
Advances in Biomaterials 
Science and Biomedical 

Applications
Edited by Rosario Pignatello

Edited by Rosario Pignatello

Photo by 181161484 kentoh / iStock

This contribution book is a collection of reviews and original articles from eminent 
experts working in the multi- and interdisciplinary arena of biomaterials, ranging 

from their design to novel uses. From their personal experience, the readers can obtain 
a stimulating foresight on the potentialities of different synthetic and engineered 

biomaterials.

A
dvances in Biom

aterials Science and Biom
edical A

pplications

ISBN 978-953-51-1051-4





ADVANCES IN
BIOMATERIALS SCIENCE

AND BIOMEDICAL
APPLICATIONS

Edited by Rosario Pignatello



Advances in Biomaterials Science and Biomedical Applications
http://dx.doi.org/10.5772/56420
Edited by Rosario Pignatello

Contributors

Chowdhury, Xiaohong Wang, Irene Tereshko, Valery Tereshko, Patrick Frayssinet, Ben Ayed Foued, Shaojun Yuan, 
Gordon Xiong, Ariel Roguin, Swee Hin Teoh, Cleo Choong, Tiago Pereira, Andrea Gartner, Paulo Armada-Da-Silva, 
Cátia Pereira, Miguel França, Diana Morais, Miguel Rodrigues, Ascenção Lopes, José Domingos, Ana Lúcia Luís, Ana 
Colette Maurício, Irina Amorim, Raquel Gomes, Xiongbiao Chen, Mituso Niinomi, Ylenia Zambito, Masaru Murata, 
Young-Kyun Kim, Kyung-Wook Kim, Jeong Keun Lee, In-Woong Um, Stefano Geuna, Frank Xue Jiang, Yan-Ru Lou, 
Carmen Escobedo-Lucea, Arto Urtti, Marjo Yliperttula, Juan Valerio Cauich-Rodríguez, Juliana Carvalho, Mhamdi 
Lotfi, M. Nejib, M. Naceur, Lucie Germain, Jean-Michel Bourget, Maxime Guillemette, Teodor Veres, François A. Auger, 
Ruggero Bettini, Susan Scholes, Thomas Joyce

© The Editor(s) and the Author(s) 2013
The moral rights of the and the author(s) have been asserted.
All rights to the book as a whole are reserved by INTECH. The book as a whole (compilation) cannot be reproduced, 
distributed or used for commercial or non-commercial purposes without INTECH’s written permission.  
Enquiries concerning the use of the book should be directed to INTECH rights and permissions department 
(permissions@intechopen.com).
Violations are liable to prosecution under the governing Copyright Law.

Individual chapters of this publication are distributed under the terms of the Creative Commons Attribution 3.0 
Unported License which permits commercial use, distribution and reproduction of the individual chapters, provided 
the original author(s) and source publication are appropriately acknowledged. If so indicated, certain images may not 
be included under the Creative Commons license. In such cases users will need to obtain permission from the license 
holder to reproduce the material. More details and guidelines concerning content reuse and adaptation can be 
foundat http://www.intechopen.com/copyright-policy.html.

Notice

Statements and opinions expressed in the chapters are these of the individual contributors and not necessarily those 
of the editors or publisher. No responsibility is accepted for the accuracy of information contained in the published 
chapters. The publisher assumes no responsibility for any damage or injury to persons or property arising out of the 
use of any materials, instructions, methods or ideas contained in the book.

First published in Croatia, 2013 by INTECH d.o.o.
eBook (PDF) Published by  IN TECH d.o.o.
Place and year of publication of eBook (PDF): Rijeka, 2019.
IntechOpen is the global imprint of IN TECH d.o.o.
Printed in Croatia

Legal deposit, Croatia: National and University Library in Zagreb

Additional hard and PDF copies can be obtained from orders@intechopen.com

Advances in Biomaterials Science and Biomedical Applications
Edited by Rosario Pignatello

p. cm.

ISBN 978-953-51-1051-4

eBook (PDF) ISBN 978-953-51-6326-8



Selection of our books indexed in the Book Citation Index 
in Web of Science™ Core Collection (BKCI)

Interested in publishing with us? 
Contact book.department@intechopen.com

Numbers displayed above are based on latest data collected. 
For more information visit www.intechopen.com

3,250+ 
Open access books available

151
Countries delivered to

12.2%
Contributors from top 500 universities

Our authors are among the

Top 1%
most cited scientists

106,000+
International  authors and editors

112M+ 
Downloads

We are IntechOpen, the world’s 
largest scientific publisher  

of Open Access books.

 





Meet the editor

Rosario Pignatello is a Full Professor of Pharmaceuti-
cal Technology and Legislation at the Department of 
Drug Sciences, University of Catania (Italy). He assists, 
as an Independent Expert, the European Commission 
for the evaluation of grant proposals within the REA 
programmes. He co-authored about 120 peer-reviewed 
papers published in international journals and has re-

cently performed many editorial activities in the field of biomaterials and 
pharmaceutical technology. Prof. Pignatello’s main research interests are 
focused on the production of colloidal carriers (micro- and nanoparticles, 
liposomes, micelles, lipid nanocarriers) for ophthalmic drug delivery and 
brain targeting, synthesis and characterization of amphiphilic prodrugs and 
conjugates, polymer engineering for drug delivery, and the application of 
calorimetric techniques to study drug–biomembrane models interactions.





Contents

Preface XIII

Section 1 Characterization of Novel Biomaterials    1

Chapter 1 Biomedical Applications of  Materials Processed in Glow
Discharge Plasma   3
V. Tereshko, A. Gorchakov, I. Tereshko, V. Abidzina and V. Red’ko

Chapter 2 Mechanical Properties of Biomaterials Based on Calcium
Phosphates and Bioinert Oxides for Applications in
Biomedicine   23
Siwar Sakka, Jamel Bouaziz and Foued Ben Ayed

Chapter 3 Degradation of Polyurethanes  for Cardiovascular
Applications   51
Juan V. Cauich-Rodríguez, Lerma H. Chan-Chan, Fernando
Hernandez-Sánchez and José M. Cervantes-Uc

Chapter 4 Substrates with Changing Properties for  Extracellular
Matrix Mimicry   83
Frank Xue Jiang

Section 2 Biocompatibility Studies    109

Chapter 5 Overview on Biocompatibilities  of Implantable
Biomaterials   111
Xiaohong Wang

Chapter 6 In Vitro Blood Compatibility of  Novel Hydrophilic Chitosan
Films for  Vessel Regeneration and Repair   157
Antonello A. Romani, Luigi Ippolito, Federica Riccardi, Silvia
Pipitone, Marina Morganti, Maria Cristina Baroni, Angelo F.
Borghetti and Ruggero Bettini



Chapter 7 Amelioration of Blood Compatibility and Endothelialization of
Polycaprolactone Substrates by Surface-Initiated Atom Transfer
Radical Polymerization   177
Shaojun Yuan, Gordon Xiong, Ariel Roguin, Swee Hin Teoh and
Cleo Choong

Chapter 8 Cell Adhesion to Biomaterials: Concept of
Biocompatibility   207
M. Lotfi, M. Nejib and M. Naceur

Section 3 Drug and Gene Delivery    241

Chapter 9 Nanoparticles Based on Chitosan Derivatives   243
Ylenia Zambito

Chapter 10 pH-Sensitive Nanocrystals of Carbonate Apatite- a Powerful
and Versatile Tool for Efficient Delivery of Genetic Materials to
Mammalian Cells   265
Ezharul Hoque Chowdhury

Section 4 Biomaterials for Tissue Engineering and Regeneration    293

Chapter 11 Innovative Strategies for Tissue Engineering   295
Juliana Lott Carvalho, Pablo Herthel de Carvalho, Dawidson Assis
Gomes and Alfredo Miranda de Goes

Chapter 12 Biofabrication of Tissue Scaffolds   315
Ning Zhu and Xiongbiao Chen

Chapter 13 Biomaterials and Stem Cell Therapies for Injuries Associated to
Skeletal Muscular Tissues   329
Tiago Pereira, Andrea Gärtner, Irina Amorim, Paulo Armada-da-
Silva, Raquel Gomes, Cátia Pereira, Miguel L. França, Diana M.
Morais, Miguel A. Rodrigues, Maria A. Lopes, José D. Santos, Ana
Lúcia Luís and Ana Colette Maurício

Chapter 14 Alignment of Cells and Extracellular Matrix Within Tissue-
Engineered Substitutes   365
Jean-Michel Bourget, Maxime Guillemette, Teodor Veres, François
A. Auger and Lucie Germain

X Contents



Chapter 7 Amelioration of Blood Compatibility and Endothelialization of
Polycaprolactone Substrates by Surface-Initiated Atom Transfer
Radical Polymerization   177
Shaojun Yuan, Gordon Xiong, Ariel Roguin, Swee Hin Teoh and
Cleo Choong

Chapter 8 Cell Adhesion to Biomaterials: Concept of
Biocompatibility   207
M. Lotfi, M. Nejib and M. Naceur

Section 3 Drug and Gene Delivery    241

Chapter 9 Nanoparticles Based on Chitosan Derivatives   243
Ylenia Zambito

Chapter 10 pH-Sensitive Nanocrystals of Carbonate Apatite- a Powerful
and Versatile Tool for Efficient Delivery of Genetic Materials to
Mammalian Cells   265
Ezharul Hoque Chowdhury

Section 4 Biomaterials for Tissue Engineering and Regeneration    293

Chapter 11 Innovative Strategies for Tissue Engineering   295
Juliana Lott Carvalho, Pablo Herthel de Carvalho, Dawidson Assis
Gomes and Alfredo Miranda de Goes

Chapter 12 Biofabrication of Tissue Scaffolds   315
Ning Zhu and Xiongbiao Chen

Chapter 13 Biomaterials and Stem Cell Therapies for Injuries Associated to
Skeletal Muscular Tissues   329
Tiago Pereira, Andrea Gärtner, Irina Amorim, Paulo Armada-da-
Silva, Raquel Gomes, Cátia Pereira, Miguel L. França, Diana M.
Morais, Miguel A. Rodrigues, Maria A. Lopes, José D. Santos, Ana
Lúcia Luís and Ana Colette Maurício

Chapter 14 Alignment of Cells and Extracellular Matrix Within Tissue-
Engineered Substitutes   365
Jean-Michel Bourget, Maxime Guillemette, Teodor Veres, François
A. Auger and Lucie Germain

ContentsVI

Chapter 15 Autograft of Dentin Materials for Bone Regeneration   391
Masaru Murata, Toshiyuki Akazawa, Masaharu Mitsugi, Md Arafat
Kabir, In-Woong Um, Yasuhito Minamida, Kyung-Wook Kim,
Young-Kyun Kim, Yao Sun and Chunlin Qin

Chapter 16 Healing Mechanism and Clinical Application  of Autogenous
Tooth Bone Graft Material   405
Young-Kyun Kim, Jeong Keun Lee, Kyung-Wook Kim, In-Woong
Um and Masaru Murata

Chapter 17 The Integrations of Biomaterials and Rapid Prototyping
Techniques for Intelligent Manufacturing of
Complex Organs   437
Xiaohong Wang, Jukka Tuomi, Antti A. Mäkitie, Kaija-Stiina
Paloheimo, Jouni Partanen and Marjo Yliperttula

Chapter 18 Mesenchymal Stem Cells from Extra-Embryonic Tissues for
Tissue Engineering – Regeneration of the
Peripheral Nerve   465
Andrea Gärtner, Tiago Pereira, Raquel Gomes, Ana Lúcia Luís,
Miguel Lacueva França, Stefano Geuna, Paulo Armada-da-Silva and
Ana Colette Maurício

Section 5 Special Applications of Biomaterials    499

Chapter 19 Hydroxylapatite (HA) Powder for Autovaccination Against
Canine Non Hodgkin’s Lymphoma   501
Michel Simonet, Nicole Rouquet and Patrick Frayssinet

Chapter 20 Dental Materials   515
Junko Hieda, Mitsuo Niinomi, Masaaki Nakai and Ken Cho

Chapter 21 Ceramic-On-Ceramic Joints:  A Suitable Alternative Material
Combination?   539
Susan C. Scholes and Thomas J. Joyce

Contents XI





Preface

A recent editorial production from InTech resulted in the publication of three volumes focused
on biomaterials. In those books, also edited by myself, the fundamental and applicative aspects
of biomaterials, in the wide connotation of the word, have been reviewed and supported by the
experimental work of many scientists, who from many years have dedicated their research to
this fascinating world, composed of many different skills, techniques and competencies.

When I was invited by the Publisher to coordinate a further editorial task on Biomaterials, I
was glad to help in collecting new contributions in this area of research and science. The scien‐
tific production in the field is, in fact, rapidly growing and updating, mainly on the fronts of
new and original applications of already known or novel compounds and polymers. As proof,
we easily received a high number of articles to be selected for composition of this new volume.

The chosen title gives a clear suggestion to the need of focusing all the basic studies, for in‐
stance the physico-chemical characterization of biomaterials, towards their potential applica‐
tions in biomedicine and drug delivery, or in any other relevant area of diagnosis, therapy,
surgical manipulation, and rehabilitation. Traditional, or ‘known’, biomaterials can now be
handled to meet specific medical needs, based on the large experience of their chemical, physi‐
cal and biological properties. Conversely, newly produced materials can be directly designed
and tailored to such requirements, so that novel and somewhat unexpected areas of applica‐
tion are continuously disclosed.

These considerations have been the basis of this editorial product. The contribution presented
consists of review articles, original researches and experimental reports from eminent interna‐
tional experts of the multidisciplinary world, which is required for an effective development
and utility of biomaterials. 21 chapters have been organized to explore different aspects of bio‐
materials science. From advanced means for the characterization and toxicological assessment
of new materials, passing through some ‘classical’ applications in nanotechnology and tissue
engineering, toward novel specific uses of these products, the volume is intended to give read‐
ers a view of the wide range of disciplines and methodologies that have been exploited to de‐
velop biomaterials with the physical and biological features needed for specific clinical and
medical purposes.

I hope that you reading these interesting chapters will prompt your interest research towards
the exciting field of biomaterials science and applications

Rosario Pignatello
Universita degli Studi di Catania, Italy
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Chapter 1

Biomedical Applications of
Materials Processed in Glow Discharge Plasma

V. Tereshko, A. Gorchakov, I. Tereshko,
V. Abidzina and V. Red’ko

Additional information is available at the end of the chapter

http://dx.doi.org/10.5772/55548

1. Introduction

There is exhaustive literature about interactions of charged particles with solid surfaces [l, 2].
For a long period only high energies were assumed to cause any significant modifications.
However, low-energy ion bombardments (up to 5 keV) of metal and alloy samples were shown
to be very efficient too: the increase of dislocation density (up to 10 mm in depth from the
irradiated surface) was detected [3–7]. In fact, a bulk long-range modification of materials in
the glow discharge plasma (GDP) took place. The above results were obtained by the use of
transmission electron microscopy for well annealed samples with initially small dislocation
density (armco-Fe, Ni3Fe, etc.) [4, 6]. For materials with initially increased dislocation density
(unannealed copper, M2 high-speed steel, titanium alloys) reorganization of dislocation
structure is the most considerable: either intensive formation of the dislocation fragments or
grinding of the fragments with corresponding increase in their disorientation is observed.
These reorganizations also take place well below the irradiated surface. When the ion energy
decreases by 1 keV, the modified layer became even deeper [7].

The above results can only be explained by taking the nonlinear nature of atom interactions
into account. The ion bombardment is assumed to induce nonlinear oscillations in crystal
lattices leading to self-organization of the latter. Modelling shows the formation of new
collective atom states. The observed phenomena include the redistribution of energy, cluste‐
rization, structure formation when the atoms stabilizes in new non-equilibrium positions,
localized structures, auto-oscillations, and travelling waves and pulses [3–7].

The  next  step  was  to  look  at  the  influence  of  low-energy  GDP  on  liquids.  Water  that
occupies up 70 percent of the Earth's surface and is the main component of all living things

© 2013 Tereshko et al.; licensee InTech. This is an open access article distributed under the terms of the
Creative Commons Attribution License (http://creativecommons.org/licenses/by/3.0), which permits
unrestricted use, distribution, and reproduction in any medium, provided the original work is properly cited.

© 2013 The Author(s). Licensee InTech. This chapter is distributed under the terms of the Creative Commons 
Attribution License http://creativecommons.org/licenses/by/3.0), which permits unrestricted use, distribution, 
and reproduction in any medium, provided the original work is properly cited.



was taken for investigation. Water molecules are able to create molecular associates using
Van der Waals forces as well as labile hydrogen interactions [8–11].  Owing to hydrogen
bonds molecules of water are capable to form not only random associates (one having no
ordered structure) but clusters,  i.e.  associates having some ordered structure [9–11].  The
network of hydrogen bonds and the high order of intermolecular cooperativity facilitate
long-range  propagation  of  molecular  excitations  [12,  13].  This  allows,  in  principle,  to
consider  water  and  water-based  solutions  as  systems  sensitive  to  weak  external  forces.
Indeed, the study of luminescence at long time scale shows that the structural equilibri‐
um in water is not stable: it changes after dissolution of small portions of added substan‐
ces and after exposition of aqueous samples to UV and mild X-ray irradiation [14].

The results obtained by Lobyshev, et al opened up the new avenues to water and aqueous
solutions as non-equilibrium systems capable of self-organization [14]. The key property of
self-organization is, however, nonlinearity to which, in models of water, hasn’t paid the
required attention yet. The present paper is aimed to cover this flaw. Basic models of nonlinear
chains that can be related to water structure were investigated. We observed self-organization
processes resulting in the displacement of atoms and their stabilization in new positions, which
can be viewed as the formation of water clusters.

In experiments, we exposed crop seeds, baking yeast and water to GDP. The results were very
promising: the seed sprouts showed greater growth and the yeast showed greater metabolic
activity compared to the control samples. The results on volunteers with different diseases,
who either drunk the processed water or was injected intravenously with the processed
physiological solution, were encouraging too. The diagnostics of volunteers’ blood immune
cells (lymphocytes and leukocytes) showed significant normalization of their state toward
homeostasis.

Next part of this paper is devoted to the study of properties of implants processed in GDP.
The modern medicine is characterized by active introduction of high technologies to clinical
practice.  It  requires  sufficient  biocompatibility  of  implanted mechanical,  electromechani‐
cal and electronic devices with natural tissues. The properties of materials are crucial, since
insufficient biocompatibility can lead to the negative reactions to the implant from the side
of  surrounding tissues causing inflammatory processes,  dysfunction of  the endothelium,
disturbance of homeostasis, destruction and the necrosis of bone tissue and so forth [15,
16]. The formation of hydrophilic coatings and the modification of chemical composition
and topography of  the  implant  surface  make it  possible  to  reduce the frequency of  the
development of negative processes. The bone, fibrous and endothelial tissues are unique‐
ly structured, and the attempts to design the next generations of implants are focused on
the  development  of  unique  nanotopography  of  the  surface  of  implants  based  on  the
imitation  of  nature.  Our  and  other  studies  showed the  effectiveness  of  vacuum-plasma
technology  for  improving  biocompatibility  and  durability  (mechanical  and  chemical)  of
implanted materials [17–19].  New avenues in the application of above technology to the
titanium implants and their influence to surrounding tissues are explored in this paper.
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2. Modelling atomic and molecular chains

Molecular dynamics were used to develop the model. To describe the atomic and molecular
interactions, Morse (1) and Born-Mayer (2) potentials were chosen [2].

Morse potential takes the form

( ) ( )0 0( ) exp 2 2expU r J r r r ra aé ù é ù= - - - - -ë û ë û (1)

where J and α are the parameters of dissociation energy and anharmonicity respectively;
Δr =(r − r0) is the displacement from an equilibrium.

Born-Mayer potential takes the form

( )
r

aU r T e
-

= × (2)

where T, a, and r are the energy constant, the shielding and atomic lengths respectively.

We assume the existence of multiple equilibria corresponding to thermodynamic as well non-
thermodynamic branches. Expanding the potentials in a Taylor series (up to the fifth order
term), find the interaction force

( ) 2 3 4 5dU r
F K r A r B r C r D r

dr
= - = - D + D - D + D - D (3)

For the Morse potential

2 3 4

5 6

2 , 3 , 2.3 ,
1.25 , 1.1

K J A J B J
C J D J

a a a

a a

= = =

= =
(4)

where K, A, B, C, D are the coefficients of elasticity, quadratic cubic, fourth and fifth orders
nonlinearities respectively.

For the Born-Mayer potential

2 2 4 5 6,    ,    ,   ,    .
2 6 24 120

T T T T TK A B C D
a a a a a

= = = = = (5)

The coefficient values are presented in Table 1.
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Coefficient Born-Mayer potential Morse potential

K, N/m 9,341∙104 1,140∙104

A, N/m2 1,951∙1015 8,244∙1014

B, N/m3 2,716∙1025 3,046∙1025

C, N/m4 2,836∙1035 7,980∙1035

D, N/m5 2,370∙10445 3,385∙10446

Table 1. Coefficients for Morse and Born-Mayer potentials.

There are many models that describe water molecules [13]. The molecular structure of water
is presented in Figure 1. The covalent and hydrogen bonds are marked by the grey springs
and the bold lines respectively. For simplicity, in our simulations we consider a chain, i.e. 1D
lattice, of water molecules (see the marked area of Figure 1).

Figure 1. Molecular structure of water in a solid phase. The ellipse marks a piece of 1D chain used in simulations.

Considering only single component of r = (x, y, z), say x, and viewing the atom as interacting
nonlinear oscillators, the system equations take the form:

( )

( ) ( ) ( ) ( )

( ) ( ) ( ) ( )

( ) ( ) ( ) ( ) ( )

( )

2
2 3 4 51

1 1 1 1 1 2 12

2 3 4 5 1
2 1 2 1 2 1 2 1

2
2 3 4

1 1 1 12

5 2 3 4
1 1 1 1 1

5
1

'

' ,

,

i
i i i i i i i i

i i i i i i i i i i

i
i i

d x
m K x Ax Bx Cx Dx K x x

dt
dx

A x x B x x C x x D x x
dt

d x
m K x x A x x B x x C x x

dt
D x x K x x A x x B x x C x x

dx
D x x

dt

b

b

- - - -

- + + + +

+

= - + - + - + - -

- - + - - - + - -

= - - + - - - + - -

- - + - - - + - - - +

+ - -

( ) ( ) ( ) ( )

( )

2
2 3 4

1 1 1 12

5 2 3 4 5
1 ' ' ,

n
n n n n n n n n

n
n n n n n n n

d x
m K x x A x x B x x C x x

dt
dx

D x x K x Ax Bx Cx Dx
dt

b

- - - -

-

= - - + - - - + - -

- - - + - + - -

(6)
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where xi, i = 1,…, n is displacement of i-th oscillator from the its equilibrium position, K’ is the
coefficient of elasticity on the chain borders, and ß and ß’ are the damping factors inside the
chain and on its borders respectively. The system (6) was solved by the Runge–Kutta method.

Relaxation processes of atoms after stopping the external influence were under investigation.
Sources that gave impulses to atoms of the chains were both direct ion impact on the first atom
of the chain (single impact) and random impacts on randomly chosen atoms of the chain
(plasma treatment). In practice the atom bonds are important to keep unbroken, so all types
of influences were low-energy ones.

2.1. Hydrogen atom chain

We carried out the simulations for chain consisting of 50 hydrogen atoms (Figure 2). Morse
potential was chosen; Ni defines the number of i-th atoms. For single impact the first atom of
the chain was displaced with velocity V = 500 m/s, which corresponds to 10-3 eV of the exposed
energy. In case of plasma treatment the following atoms were exposed to low-energy impacts:
atom N1 (V = 538 m/s), atom N10 (V = 1682 m/s) and atom N30 (V = 1237 m/s).

Figure 2. Chain of hydrogen atoms.

Figure 3 illustrates the atom displacements after the plasma treatment. The atoms are stabilized
in the new positions that can be described as (nano)clusters (atoms N1--29 and N30--50). After atom
relaxation the simulations were continued fourth times longer, and the persistent stabilization
was always observed.
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Figure 3. Displacement of 50 atoms of the excited nonlinear chain at the time of stabilization. N defines the atom
number in the chain.

2.2. H–O–H molecule chain

We investigated the chain of H–O–H molecules shown in Figure 4. From two to eight molecules
(6–24 atoms) were used. The equilibrium distances between H and O atoms inside the molecule
are 0.96 Å, and the equilibrium distance between the molecules is 1 Å, which corresponds to
… Single impact were assumed, and the velocity of the first atom was varied from 100 to 1600
m/s, which corresponds to 10-5–10-2 eV of the exposed energy. Again, Morse potential was used.

Figure 4. Atom chain of water consisting of hydrogen and oxygen atoms.
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Figure 5 illustrates the atom displacements versus the velocity that the first atom received from
external impact. In all cases significant shrinkage, or collapse, of the chains is observed. One
can see that the length of the collapsed chain depends on the above velocity, the minimal length
being detected at some low impact energies. For example, for the chain consisting of eight H–
O–H molecules the minimal length of the chain was observed at V = 1200 m/s (see Fig. 5b).

 

 

 

 

 

 

Figure 5. Atom displacements in the chain of H–O–H molecules versus the velocity received by the first atom: a) chain
consisting of two molecules, b) chain consisting of eight molecules. In dashed areas the collapsed chains are shown
enlarged.

2.3. 1D water molecule chain

Finally, we investigated the chain shown in Figure 6. It corresponds to the 1D cut of water
molecule (see the area marked by the ellipse in Figure 1). The solid and dotted lines correspond
to the covalent and hydrogen bonds respectively. As one can see the covalent bonds yields the
equilibrium between O and H atoms at 0.96 Å whereas the hydrogen bonds yields the
equilibrium at about twice longer distance (1.78 Å).
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Figure 6. chain of water consisting of hydrogen and oxygen atoms. The solid and dotted lines mark the covalent and
hydrogen bonds respectively.

In simulations we considered simple chain consisting of two 1D water molecules. The initial
velocity of the first atom was taken at V = 500 m/s. The Morse and Born-Mayer potentials were
used for this investigation.

Figure 7 represents the initial and final stabilized conditions of atom chains (after direct low-
energy ion impact to the first atom of the chain) calculated with Born-Mayer (Figure 7a) and
Morse (Figure 7b) potentials

Figure 7. Initial and final positions of atoms of 1D water molecule after direct low-energy impact to the first atom
(oxygen): a) Born-Mayer potential, b) Morse potential. The right figures show the enlarged final chains.
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3. Biomedical applications

Biological objects are known for their high sensitivity to weak external fields. The evidence
that electromagnetic fields can have “non-thermal” biological effects is now overwhelming.
When the production of heat shock proteins is triggered electromagnetically it needs 100
million times less energy than when triggered by heat [20]. Low-frequency weak magnetic
fields may lead to the resonant change of the rate of biochemical reactions although the impact
energy is by ten orders of magnitude less than kBT where kB is the Boltzmann constant and T
is the temperature of the medium [21].

The therapeutic ability of the low intensity electromagnetic radiations is actively discussed
[22]. The low-power millimeter wave irradiation and magnetic-resonance therapy are used in
practical medicine already, which differ significantly from the drug treatment by the fact that
they do not clog organism with the undesirable chemical compounds, i.e. xenobiotics. In this
chapter we discuss the biomedical application of vacuum-plasma technologies.

3.1. Activating and therapeutic properties of water processed in GDP

To understand the above extreme sensitivity of living objects, investigations in influences of
weak fields on water appear to be essential. Indeed, water plays a major role in biological
processes. A man consumes about 2 l of drinking water a day. Water is the main component
of human, animal, plant and generally every living being body. A new-born child body
contains 97% of water, decreasing to 70–75% with aging. In particular, human brain consists
of about 85% of water.

So, we performed experiments with water, crop seeds and baking yeast S. cerevisiae. The crop
seeds and yeast were processed directly in GDP. Also, the untreated crop seeds and yeast were
poured with the water processed in GDP. In all cases practically the same biotrophic effects
were observed. Namely, the seed sprouts showed the growth in 3–4 times higher than the
control samples. Both the processed yeast and the unprocessed one that immersed in the
processed (by GDP) water showed greater metabolic activity compared to the control samples.

The obtained results allow suggesting that the discovered phenomena can be used for direct
correction of pathological states. Therefore we processed water and physiological solution.
The samples were exposed to low-energy ion irradiation in GDP of residual gases. The ion
energy depends on the voltage in the plasma generator. The latter was kept at 1.2 keV while
the current in the plasma generator was maintained at 70 mA. The temperature in the chamber
was controlled during the irradiation process and did not exceed 298 K (25° C). The irradiation
time was 60 minutes.

In test experiments, volunteers with different diseases either drunk the processed water or
they were injected intravenously with the similarly processed physiological solution. The
course of treatment included 3–5 sessions of 0.5 l physiological solution transfusion. The
preliminary results appeared to be very promising. We were most interested in the therapeutic
treatment of the global inflammatory processes such as cardio-vascular diseases and pancre‐
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atic (insular) diabetes complicated by the acute and chronic forms of atherosclerosis. Also,
different types of oncology, say, leukemia, etc., were under investigation.

The blood immune cells were taken for diagnostics. The immune system is known as one of
the leading homeostatic systems in the organisms. It may serve as a mirror that reflects
practically all adaptations and pathological rearrangements. The immunocompetent cells,
lymphocytes and leukocytes, have a set of properties that may be used as an indicator of the
organism state. In addition, the structural organization of blood lymphocytes and leukocytes
makes possible a most efficient use of microspectral analysis and different fluorescent probes
for their studies [23].

We used the dual-wavelength microfluorimetry analysis. The selected cell populations (mono-
and polynuclears of blood immunocytes) were mapped as clusters of points on the phase plane
in coordinates of the red and green luminescence intensities, i.e. on the wavelengths I530

(abscissa) and I640 (ordinate). Figure 8 presents the above phase plane for an oncologic out-
patient before and after the monthly course treatment. The black and grey pluses represent
lymphocyte and leukocyte cells respectively. The white ellipses mark the distribution of
fluorescent signals of lymphocytes (lower ellipse) and leukocytes (upper ellipse) in norm. As
seen, the treatment results into significant normalization toward the homeostasis.

Figure 8. Dual-wavelength microfluorimetry analysis (abscissa and ordinate represent the luminescent intensity I530

and I640 respectively) of blood immunocytes of oncologic patient (second stage breast cancer). The state before (a) and
after (b) the water treatment course (see the text). The black and grey pluses represent lymphocytes and leukocytes
respectively. The white ellipses mark the distribution of fluorescent signals of lymphocytes (lower ellipse) and leuko‐
cytes (upper ellipse) in norm.
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3.2. Biocompatibility of titanium alloys and stainless steel processed in GDP

Stainless steel, titanium and its alloys are among the most utilized biomaterials and are still
the materials of choice for many structural implantable device applications [24, 25]. We
processed both the titanium and stainless steel samples and investigated changing in their
properties caused by GDP.

Current titanium implants face long-term failure problems due to poor bonding to juxtaposed
bone, severe stress shielding and generation of debris that may lead to bone cell death and
perhaps eventual necrotic bone [26–28]. Improving the bioactivity of titanium implants,
especially with respect to cells, is a major concern in the near and intermediate future. Surface
properties such as wettability, chemical composition and topography govern the biocompat‐
ibility of titanium. Conventionally processed titanium currently used in the orthopedic and
dental applications exhibits a micro-rough surface and is smooth at the nanoscale. Surface
smoothness on the nanoscale has been shown to favor fibrous tissue encapsulation [27–29]. An
approach to design the next-generation of implants has recently focused on creating unique
nanotopography (or roughness) on the implant surface, considering that natural bone consists
of nanostructured materials like collagen and hydroxyapatite. Some researchers have achieved
nano-roughness in titanium substrates by compacting small (nanometer) constituent particles
and/or fibers [30]. However, nanometer metal particles can be expensive and unsafe to
fabricate. For this reason, alternative methods of titanium surface treatment are desirable.

For the investigation of biocompatibility of implanted materials the tests in vitro with the
cultures of different cells (fibroblasts, lymphocytes, macrophages, epithelial cells, etc.) are used.
The influence of material is typically evaluated according to such indicators as adhesion,
change in the morphological properties, inhibition of an increase in the cellular population,
oppression of metabolic activity and others.

The adhesion of cells, as is known, plays exceptionally important role in the biological process‐
es, such as formation of tissues and organs during embryogenesis, reparative processes, immune
and inflammatory reactions, etc. Capability for movement is the characteristic property of
fibroblasts, cells of immune system and cells, which participate in the inflammation. More‐
over, in immunocytes and leukocytes it consists not only in the free recirculation in the blood
stream or lymph but also in the penetration into vascular walls and active migration into the
surrounding tissues. Adhesion and flattening of cells to the base layer always precede their
locomotion. The degree of flattening is important preparatory step to the cell amoeboid mobility.
We concentrate our attention on the above components in experiments with titanium alloys.

Titanium samples were cut into pieces (1 cm × 0.5 cm) and placed in a specially constructed
plasma generator. They were exposed to glow discharge plasma by ions of the residual gases of
the vacuum. The ion energy depended on the voltage in the plasmatron and did not exceed 1–
10 keV. Irradiated fluence was 1017 ion∙cm-2. The temperature of the specimens was controlled
during the irradiation process and did not exceed 343 K while the irradiation time varied from
5 to 60 minutes. Rutherford Backscattering Spectrometry (RBS) was used to study the changes
after the irradiation. Cell adhesion to titanium samples was tested with L929 mouse connec‐
tive tissue (fibroblasts-like cells). L929 cells were cultured in Dulbecco’s modified Eagle’s
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medium with 10% fetal bovine serum. Initial cell density was 5∙105 cells/ml. The samples were
placed into the sterile disposable 9 cm diameter tissue culture Petri dishes. 2 ml growth medium
with cells were distributed into each Petri then incubated in the 5% CO2 at 37º C for 2 hours. After
that period, cultures were prepared for scanning electron microscopy (SEM).

RBS data for the irradiated sample show the presence of iron on the surface that occurred from
high-carbon steel cathode as a result of secondary emission process (Figure. 9). Percentage of
iron and thickness of the layer were calculated using RUMP, the program for simulation and
analysis based on RBS and Elastic Recoil Detection techniques.

Figure 9. RBS spectrum of the titanium sample irradiated for 5 min at 10 kV.
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The obtained data for different voltage and time of the irradiation are presented in Table 2.

Voltage, kV
Time of

irradiation, min

Fe:Ti atomic

ratio

Density of

flattened cells

per μm2

Percentage of

flattened cells

Increase factor

in amount of all

cells in

comparison with

control sample

0.4 60 0.0277:1 534±20 50.2±2.0 1.78

1.2 30 0.0560:1 413±9 43.7±0.9 1.63

10 5 0.0549:1 381±15 42.5±1.7 1.53

Control 0 0:1 26±8 4.4±1.5 1

Table 2. Data obtained from the experiments with titanium samples exposed to GDP.

Calculated data indicate an increase in the density of flattened cells as well as in the cell amount
in comparison with the control sample. According to Table 2 one conclude that best adhesion
(column 4) and most prolific cell attachment (column 5) correspond to the samples that were
exposed to GDP for maximum time at minimum voltage. For this sample we observed less
percentage of iron and thickness of the iron layer in comparison with others that were exposed
to higher voltage plasma irradiation.

Figure 10 demonstrates SEM images of control and irradiated samples. In comparison with
the control sample, analysis of cell attachment for the irradiated samples shows high conflu‐
ence (attachment ratio) and better spreading.

We also performed experiments on the adhesion of immune-competent cells of human blood
to the stainless steel samples. Figure 11 represents the microphotography of the healthy person
lymphocytes and leukocytes adhered to the irradiated and non-irradiated plates. As can be
seen from photographs, cells, which are located on the different samples, are essentially
different. The morphology of leukocytes and lymphocytes, which were adhered to the
irradiated material, indicates the expressed amoeboid mobility.

In the majority of the cases endoprosthetics is conducted not in the healthiest people. This fact
is very important and it must be considered. Figure 12 displays the results of similar study of
the blood nucleus of person who suffers from second stage hypertonia, coronary artery disease
and atherosclerosis. From the above data one can conclude that the nature of adhesion of cells
to the base layer depends on both the physico-chemical state of this base layer and the state of
organism, the owner of cells.
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Figure 10. SEM images of cell attachment on (a) the control sample and (b) the titanium sample that was irradiated
for 5 min at 10 kV.
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Figure 10. SEM images of cell attachment on (a) the control sample and (b) the titanium sample that was irradiated
for 5 min at 10 kV.
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Figure 11. Luminescent microscopy (1000×) of lymphocytes and granulocytes of the blood of healthy donor adhered
to (a) non-irradiated and (b) irradiated in GDP surface of the stainless steel samples. The cell nucleus fluorochromiza‐
tion is performed by propidium iodide (λfl = 615 nm).

Figure 12. Luminescent microscopy (1000×) of lymphocytes and granulocytes of the blood of donor suffering from
second stage hypertonia, coronary artery disease and atherosclerosis. The cell nuclei are adhered to (a) non-irradiated
and (b) irradiated in GDP surface of the stainless steel samples. The fluorochromization is performed by propidium
iodide (λfl = 615 nm).
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4. Discussion and conclusions

Studying the homogeneous chains, like the hydrogen atom chain, exposed to low energies we
observed clusterization. It is important to stress that this is truly self-organization phenomenon
induced by an external excitation. The chains utilize the excitation energy to initialize nonlinear
oscillations and redistribute the energy throughout the chain, which leads to the pattern
formation. In the case of multiple impacts on randomly chosen atoms (so-called plasma
processing) the atom displacements are by an order higher than in the case of single impact.
Thus, the plasma treatment leads to more active self-organization processes and atom
rearrangements.

In the cases of inhomogeneous chains containing H and O atoms another type of structures is
developed. The shrinkage of chains is so significant that we can say about the collapsed
structures. This collapse is observed irrespective of the choice of the atom interaction poten‐
tials, whereas the collapsed chain patterns are found to depend on the latter.

To conclude, the performed simulations demonstrated that the system nonlinearity is, in fact,
the main reason for the development of self-organization processes leading to significant
modifications even in case of low-energy impacts.

In experiments with water and biological objects processed in GDP significant biotrophic
effects were detected. The crop seeds and yeast processed directly or indirectly (being
immersed in the water processed in GDP) showed markedly greater metabolic activity
compared to the control samples. Using the water and the physiological solutions processed
in GDP we observed significant therapeutic effects in the test treatments of cardiovascular,
oncologic and other diseases. The obtained results suggest the use of discovered phenomena
for direct corrections of pathological states by shifting a body state towards its homeostasis.
Understanding the mechanisms of the latter will be our next priority.

Next part of this study is devoted to experiments with the titanium alloys and stainless
steel  exposed to GDP. The experiments with titanium samples reveal  an increase in the
density of flattened (to the sample surface) cells as well as in the cell amount in compari‐
son  with  the  control  sample.  These  are  nothing  but  preparatory  step  to  the  cell  amoe‐
boid mobility.  Indeed, adhesion and flattening of  cells  to the base layer always precede
their  locomotion.  According  to  the  results,  best  adhesion  and  most  prolific  cell  attach‐
ment correspond to the samples that were exposed to GDP for maximum time at  mini‐
mum voltage. Similar results were obtained in the experiments with stainless steel samples:
the  morphology  of  leukocytes  and  lymphocytes,  which  were  adhered  to  the  irradiated
material,  indicated the expressed amoeboid mobility. The results with the blood nucleus
of person who suffers from several diseases revealed some deviations in the morphology
of adhered cells compared to the healthy blood. Thus, the nature of adhesion of cells to
the base layer depends on both the physico-chemical state of this base layer and the state
of  organism,  the  owner  of  cells.  This  circumstance  determines  even  more  stringent
requirements for the material of the implants.
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1. Introduction

Calcium phosphates  (CaP)  have  been  sought  as  biomaterials  for  reconstruction  of  bone
defect  in  maxillofacial,  dental  and  orthopaedic  applications  [1-31].  Calcium  phosphates
have  been  used  clinically  to  repair  bone  defects  for  many  years.  Calcium  phosphates
such as  hydroxyapatite  (Ca10(PO4)6(OH)2,  HAp),  fluorapatite  (Ca10(PO4)6F2,  FAp),  tricalci‐
um phosphate (Ca3(PO4)2, TCP), TCP-HAp composites and TCP-FAp composites are used
for medical  and dental  applications [3,  10-29].  In general,  this  concept is  determined by
advantageous  balances  of  more  stable  (frequent  by  hydroxyapatite  or  fluorapatite)  and
more resorbable (typically tricalcium phosphate) phases of calcium phosphates, while the
optimum ratios depend on the particular applications. The complete list of known calci‐
um phosphates,  including their  major  properties  (such,  the  chemical  formula,  solubility
data) is given in Table 1.  The detailed information about calcium phosphates,  their syn‐
thesis, structure, chemistry, other properties and biomedical applications have been com‐
prehensively reviewed recently in reference [24].

Calcium phosphate-based biomaterials and bioceramics are now used in a number of differ‐
ent applications throughout the body, covering all areas of the skeleton. Applications in‐
clude dental implants, percutaneous devices and use in periodontal treatment, treatment of
bone defects, fracture treatment, total joint replacement (bone augmentation), orthopedics,
cranio-maxillofacial reconstruction, otolaryngology and spinal surgery [32-35]. Depending
upon whether a bioresorbable or a bioactive material is desired, different calcium ortho‐
phosphates might be used.
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In the past, many implantations failed because of infection or a lack of knowledge about the
toxicity of the selected materials. In this frame, the use of calcium phosphates is logical due
to their similarity to the mineral phase of bone and teeth [36-40]. However, according to
available literature, the first attempt to use calcium phosphates as an artificial material to re‐
pair surgically-created defects in rabbits was performed in 1920 [41]. More than fifty years
later, the first dental application of a calcium phosphate (erroneously described as TCP) in
surgically-created periodontal defects [42] and the use of dense HAp cylinders for immedi‐
ate tooth root replacement were reported [43]. Since Levitt et al. described a method of pre‐
paring an apatite bioceramics from FAp and suggested its possible use in medical
applications in 1969[44]. According to the available databases, the first paper with the term
‘‘bioceramics’’ in the abstract was published in 1971 [45], while those with that term in the
title were published in 1972 [46-47]. However, application of ceramic materials as prostheses
had been known before [48-49]. Further historical details might be found in literature [50].
Commercialization of the dental and surgical applications of Hap-based bioceramics occur‐
red in the 1980’s, largely through the pioneering efforts by Jarcho [51], de Groot [52] and Ao‐
ki [53]. Due to that, HAp has become a bioceramic of reference in the field of calcium
phosphates for biomedical applications. Preparation and biomedical applications of apatites
derived from sea corals (coralline HAp) [54–56] and bovine bone were reported at the same
time [57]. Since 1990, several other calcium phosphate cements have been developed [58-62],
injectable cements have been formulated [63], and growth factors have been delivered via
these cements [64]. The tetracalcium phosphate [TTCP: Ca4(PO4)2O] and dicalcium phos‐
phate anhydrous [DCPA: CaHPO4] system was approved in 1996 by the Food and Drug Ad‐
ministration (FDA) for repairing craniofacial defects in humans, thus becoming the first
TTCP–DCPA system for clinical use [65]. However, due to its brittleness and weakness, the
use of TTCP–DCPA system was limited to the reconstruction of non-stress-bearing bone
[66-67]. To expand the use of TTCP–DCPA system to a wide range of load-bearing maxillo‐
facial and orthopedic repairs, recent studies have developed natural biopolymers that are
elastomeric, biocompatible and resorbable [68]. Calcium phosphates in a number of forms
and compositions are currently either in use or under consideration in many areas of den‐
tistry and orthopedics. For example, bulk materials, available in dense and porous forms,
are used for alveolar ridge augmentation, immediate tooth replacement and maxillofacial re‐
construction [35, 69]. Other examples include orbital implants (Bio-Eye) [70-71], increment
of the hearing ossicles, spine fusion and repair of bone defects [72-73]. In order to permit
growth of new bone onto bone defects, a suitable bioresorbable material should fill the de‐
fects. Otherwise, in-growth of fibrous tissue might prevent bone formation within the de‐
fects [69-73]. Today, a large number of different calcium phosphate bioceramics for the
treatment of various defects are available on the market.

The performance of living tissues is the result of millions of years of evolution, while the
performance of acceptable artificial substitutions those man has designed to repair damaged
hard tissues are only a few decades old. Archaeological findings exhibited in museums
showed that materials used to replace missing human bones and teeth have included animal
or human (from corpses) bones and teeth, shells, corals, ivory (elephant tusk), wood, as well
as some metals (gold or silver). For instance, the Etruscans learned to substitute missing
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teeth with bridges made from artificial teeth carved from the bones of oxen, while in ancient
Phoenicia loose teeth were bound together with gold wires for tying artificial ones to neigh‐
boring teeth.

Compound Acronym Formula Ca/P pKs 
a

Monocalcium phosphate

monohydrate

MCPM Ca(H2PO4)2 .H2O 0.5 1.14

Monocalcium phosphate anhyrous MCPA Ca(H2PO4)2 0.5 1.14

Dicalcium phosphate dihydrate DCPD CaHPO4 .2H2O 1 6.59

Dicalcium phosphate anhydrous DCPA CaHPO4 1 6.90

Aporphous calcium phosphates ACP CaxHy(PO4)z .nH2O

n = 3-4.5; 12-20%H2O

1.2-2.2 b

Octacalcium phosphate OCP Ca8(HPO4)2(PO4)4 .5H2O 1.33 96.6

α- Tricalcium phosphate α-TCP α- Ca3(PO4)2 1.5 25.5

β- Tricalcium phosphate β-TCP β- Ca3(PO4)2 1.5 28.9

Calcium-deficient Hydroxyapatite CDHAp Ca10-x(HPO4)x(PO4)6-x(OH)2-x (0 < x < 1) 1.5-1.67 85

Hydroxyapatite HAp Ca10(PO4)6(OH)2 1.67 116.8

Fluorapatite FAp Ca10(PO4)6F2 1.67 120

Oxapatite OAp Ca10(PO4)6O 1.67 69

Tetracalcium phosphate TTCP Ca4(PO4)2O 2 38-44

(a): Solubility at 25°C (pKs = -logKs);

(b) : Cannot be measured precisely.

Table 1. Calcium phosphates and their major properties [3, 24]

Calcium phosphates are established materials for the augmentation of bone defects. They
are available as allogenic, sintered materials. Unfortunately, these calcium phosphates ex‐
hibit relatively poor tensile and shear properties [74]. In practice, the strength of the calcium
phosphate cements is lower than that of bone, teeth, or sintered calcium phosphate biocer‐
amics [75] and, together with their inherent brittleness, restricts their use to non-load bear‐
ing defects [76] or pure compression loading [74]. Typical applications are the treatment of
maxillo-facial defects or deformities [77] and cranio facial repair [78] or augmentation of
spine and tibial plateau [74]. A successful improvement of the mechanical properties would
significantly extend the applicability of calcium phosphates [79] and can be achieved by
forming composite materials [80]. Second phase additives to the calcium phosphate compo‐
sites have been either fibrous reinforcements or bioinert oxides that interpenetrate the po‐
rous matrix.
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Hydroxyapatite and other calcium phosphates bioceramics are important for hard tissue re‐
pair because of their similarity to the minerals in natural bone, and their excellent biocom‐
patibility and bioactivity [81-86]. When implanted in an osseous site, bone bioactive
materials such as HAp and other CaP implants and coatings provide an ideal environment
for cellular reaction and colonization by osteoblasts. This leads to a tissue response termed
osteoconduction in which bone grows on and bonds to the implant, promoting a functional
interface [81, 84, 87]. Extensive efforts have significantly improved the properties and per‐
formance of HAp and other CaP based implants [88-92]. Calcium phosphate cements can be
molded or injected to form a scaffold in situ, which can be resorbed and replaced by new
bone [93, 65-67]. Chemically, the vast majority of calcium phosphate bioceramics is based on
HAp, β-TCP, α-TCP and/or biphasic calcium phosphate (BCP), which is an intimate mixture
of either β-TCP - HAp [94-100] or α-TCP - HAp [101-111]. The preparation technique of
these calcium phosphates has been extensively reviewed in literature [1, 4, 37, 102-104].
When compared to both β- and α-TCP, HAp is a more stable phase under physiological con‐
ditions, as it has a lower solubility (Table 1) [37, 109-110]. Therefore, the BCP concept is de‐
termined by the optimum balance of a more stable phase of HAp and a more soluble TCP.
Due to a higher biodegradability of the β - or α -TCP component, the reactivity of BCP in‐
creases with the TCP-HAp the increase in ratio. Thus, in vivo bioresorbability of BCP can be
controlled through the phase composition [95]. As implants made of calcined HAp are
found in bone defects for many years after implantation, bioceramics made of more soluble
calcium phosphates is preferable for the biomedical purposes [94-110]. HAp has been clini‐
cally used to repair bone defects for many years [3]. However, Hap has poor mechanical
properties [3]. Their use at high load bearing conditions has been restricted due to their brit‐
tleness, poor fatigue resistance and strength.

The main reason behind the use of β-TCP as bone substitute materials is  their chemical
similarity to the mineral component of mammalian bone and teeth [1-3]. The application
of tricalcium phosphate as a bone substitute has received considerable attention, because
it  is  remarkably  biocompatible  with  living  bodies  when  replacing  hard  tissues  and  be‐
cause it has biodegradable properties [1-29]. Consequently, β-TCP has been used as bone
graft substitutes in many surgical fields such as orthopedic and dental surgeries [3, 11-12,
16-17].  This  use  leads  to  an  ultimate  physicochemical  bond  between  the  implants  and
bone-termed osteointegration. Even so, the major limitation to the use of β-TCP as load-
bearing biomaterial  is  their  mechanical  properties  which make it  brittle,  with  poor  fati‐
gue resistance [3, 10, 21-29]. Moreover, the mechanical properties of tricalcium phosphate
are  generally  inadequate  for  many  load-carrying  applications  (3  MPa  –  5  MPa)  [3,  10,
20-29].  Its  poor  mechanical  behaviour  is  even more  evident  when used to  make highly
porous ceramics and scaffolds. Hence, metal oxides ceramics, such as alumina (Al2O3), ti‐
tania (TiO2) and some oxides (e.g. ZrO2, SiO2) have been widely studied due to their bioi‐
nertness,  excellent  tribological  properties,  high  wear  resistance,  fracture  toughness  and
strength as well as relatively low friction [19, 21-22, 29-31]. However, bioinert ceramic ox‐
ides having high strength are used to enhance the densification and the mechanical prop‐
erties  of  β-TCP.  In  this  chapter,  we  will  try  to  improve  the  strength  of  β-TCP  by
introducing a bioinert oxide like alumina. This is because there are few articles reporting
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the toughening effects of an inert oxide (like alumina (Al2O3)) on the mechanical proper‐
ties of β-TCP [22, 27,  29].  Alumina has a high strength and is bio-inert with human tis‐
sues  [19,  22,  27,  29].  In  order  to  improve  the  biocompatibility  of  alumina  and  the
strength  of  tricalcium phosphate  effectively,  and in  order  to  search  for  an  approach  to
produce high performances of alumina-tricalcium phosphate composites,  β-TCP is intro‐
duced with different percentages in the alumina matrix. The aim of our study is to elabo‐
rate and characterize the TCP-Al2O3 composites for biomedical applications.

This chapter proposes to study the sintering of the alumina-tricalcium phosphate compo‐
sites at various temperatures (1400°C, 1450°C, 1500°C, 1550°C and 1600°C) and with differ‐
ent percentages of β-TCP (10 wt%, 20 wt%, 40 wt% and 50 wt%). The characterization of
biomaterials will be realized by using dilatometry analysis, differential thermal analysis
(DTA), X-ray diffraction (XRD), magic angle spinning nuclear magnetic resonance (MAS
NMR), scanning electron microscopy analysis (SEM) and by using the mechanical proper‐
ties, such as rupture strength (σr) of these biomaterials.

2. Materials and methods

The synthesized tricalcium phosphate and alumina (Riedel-de Haёn) were mixed in order to
prepare biomaterial composites. The β-TCP powder was synthesized by solid-state reaction
from calcium carbonate (CaCO3) and calcium phosphate dibasic anhydrous (CaHPO4) [27].
Stoichiometric amounts of high purity powders such as CaHPO4 (Fluka, purity ≥ 99%) and
CaCO3 (Fluka, purity ≥ 98.5%), were sintered at 1000°C for one hour to obtain the β-TCP ac‐
cording to the following reaction:

( ) ( ) ( ) ( ) ( ) ( )4 3 3 4 2 22
2                          CaHPO s CaCO s Ca PO s H O g CO g+ ® + + (1)

The β-TCP and the alumina powders were mixed in an agate mortar. The powder mixtures
were milled in ethanol for 24 hours. After milling, the mixtures were dried in a rotary vac‐
uum evaporator and passed through a 70-mesh screen. After drying the powder mixtures at
80°C for 24 hours, they were molded in a cylinder having a diameter of 20 mm and a thick‐
ness of 6 mm, and pressed under 150 MPa. The green compacts were sintered at various
temperatures for different lengths of time in a vertical furnace (Pyrox 2408). The heating rate
is 10°C min-1. The size of the particles of the powder was measured by means of a Micromer‐
itics Sedigraph 5000. The specific surface area (SSA) was measured using the BET method
and using N2 as an adsorption gas (ASAP 2010) [112]. The primary particle size (DBET) was
calculated by assuming the primary particles to be spherical:

 6 /  BETD Sr= (2)

where ρ is the theoretical density and S is the surface specific area.
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The microstructure of the sintered compacts was investigated using the scanning electron
microscope (Philips XL 30) on the fractured surfaces of the samples. The grains’ mean size
was measured directly using SEM micrographs. The powder was analyzed by using Xray
diffraction (XRD). The Xray patterns were recorded using the Seifert XRD 3000 TT diffrac‐
tometer. The Xray radiance was produced by using CuKα radiation (λ = 1.54056 Å). The
crystalline phases were identified with the powder diffraction files (PDF) of the Internation‐
al Center for Diffraction Data (ICDD). Linear shrinkage was determined using dilatometry
(Setaram TMA 92 dilatometer). The heating and cooling rates were 10°C min-1 and 20°C
min-1, respectively. Differential thermal analysis (DTA) was carried out using about 30 mg of
powder (DTATG, Setaram Model). The heating rate was 10°C min-1. The 31P and 27Al magic
angle spinning nuclear magnetic resonance (31P MAS NMR) spectra were run on a Brucker
300WB spectrometer. The 31P and 27Al observational frequency were 121.49 MHz and 78.2
MHz, respectively. The 31P MAS-NMR chemical shifts were referenced in parts per million
(ppm) referenced to 85 wt% H3PO4. The 27Al MAS-NMR chemical shifts were referenced to a
static signal obtained from an aqueous aluminum chloride solution.

The Brazilian test was used to measure the rupture strength of biomaterials [113-114]. The
rupture strength (σr) values were measured using the Brazilian test according to the equa‐
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where P is the maximum applied load, D the diameter, t the thickness of the disc and σr the
rupture strength (or mechanical strength).

3. Results and discussion

3.1. Characterization of different powders

The X-ray diffraction analysis of β-TCP powder and α-alumina powder are presented in Fig‐
ure 1. As it can be noticed from this figure, the X-ray diffraction pattern of tricalcium phos‐
phate powder reveals only peaks of β-TCP (ICDD data file no. 70-2065) without any other
phase (Figure 1a). Consequently, the XRD pattern obtained from the alumina powder illus‐
trates α phase peaks relative to ICDD data file no. 43-1484 (Figure 1b).

The 31P MAS-NMR solid spectrum of the tricalcium phosphate powder is presented in Fig‐
ure 2a. We observe the presence of several peaks of tetrahedral P sites (at 0.36 ppm, 1.46
ppm and 4.83 ppm), while there are other peaks (at -7.43 ppm, -9.09 ppm and -10.35 ppm)
which reveal a low quantity of calcium pyrophosphate which was formed during the prepa‐
ration of the β-TCP.

The 27Al MAS-NMR solid spectrum of the alumina powder is presented in Figure 2b. We no‐
tice the presence of two peaks which are characteristic of aluminum: one peak at 7.36 ppm
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corresponding to octahedral Al sites (AlVI) and the other at 37.36 ppm which corresponds to
pentahedral Al sites (AlV). The results obtained for 31P MAS-NMR and 27Al MAS-NMR are
similar to those previously reported by different authors [14, 22, 25-28, 31].

Figure 1. The XRD patterns of: (a) β-TCP powder and (b) α-Al2O3 powder

Figure 2. The 31P MAS-NMR spectra of: (a) β-TCP and the 27Al MAS-NMR spectra of: (b) α-Al2O3
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The experimental characteristics of the different powders used in this study are illustrated in
Table 2. Table 2 summarizes the SSA, the DTA measurements, the sintering temperature
and the theoretical density of the different powders. The powder particles are assumed to be
spherical; the size of the particles can be calculated using Eq. (2). The results from the aver‐
age grain size obtained by the SSA (DBET) and from the average grain size obtained by gran‐
ulometric repartition (D50) are presented in Table 2. Compared with those of the β-TCP
powder, the grains of the alumina powder have a dense morphology. These (DBET) values
obtained by the SSA do not correspond to those obtained from the granulometric repartition
(Table 2). The discrepancy may be due to the presence of agglomerates which are formed
during the preparation of the β-TCP powder at 1000°C.

Compounds SSA (m2/g)

± 1.0

DBET (µm)

± 0.2

D50 (µm)a

± 0.2

DTA measurements

(endothermic peak)

T(°C)b dc

TCP 0.70 2.79 6 1100°C-1260°C (β → α)

1470°C (α → α’)

1000 - 1300 3.070 (β)

2.860 (α)

Alumina 2.87 0.53 3 - 1400 - 1600 3.98 (α)

a : mean diameter,

b : sintering temperature domain,

c : theoretical density

Table 2. Characteristics of the powders used in the study

Differential thermal analysis studies of the different powders used in this study detected a
potential phase change during the sintering process. The DTA thermogram of β-TCP, α-
Al2O3 and different Al2O3 - TCP composites are presented in Figure 3. The DTA curve of alu‐
mina reported no process relative to the sintering temperature (Figure 3a). Figure 3b shows
the DTA curve of β-TCP. The DTA thermogram of β-TCP shows two endothermic peaks,
relative to the allotropic transformations of tricalcium phosphate (Figure 3b). The peak be‐
tween 1100°C – 1260°C is related to the first allotropic transformation of TCP (β to α), while
the last peak at 1470°C is related to the second allotropic transformation of TCP (α to α’). As
a matter of fact, this result is similar to the result previously reported by Destainville et al.
and Ben Ayed et al. [9, 14]. Figure 3c shows the DTA curve of Al2O3-50 wt% TCP compo‐
sites. This DTA curve is practically similar to the one shown in Figure 3b. Indeed, the DTA
thermogram of the composites also shows two endothermic peaks. Figure 3 (d), (e) and (f)
illustrate the DTA curves of Al2O3–40 wt% TCP composites, Al2O3–20 wt% TCP composites
and Al2O3–10 wt% TCP composites, respectively. The DTA thermograms of each composites
show only one endothermic peak between 1100°C and 1260°C, which are relative to the allo‐
tropic transformation of TCP (β to α). In these curves, we notice that the endothermic peak
relative to a second allotropic transformation of TCP (α to α’) has practically disappeared
when the percentage of the alumina increases in the Al2O3 - TCP composites (Figure 3(d), (e)
and (f)).
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Figure 3. DTA curves of (a) α-Al2O3, (b) β-TCP, (c) Al2O3 – 50 wt% TCP composites, (d) Al2O3 – 40 wt% TCP composites,
(e) Al2O3 – 20 wt% TCP composites and (f) Al2O3 – 10 wt% TCP composites

Figure 4 shows the dilatometric measurements of the different powders used in this study
(β-TCP, α-Al2O3 and Al2O3 - TCP composites). A large sintering domain was observed for
the three powders (β-TCP, alumina and composites). The sintering temperature of the initial
powder began at about 900°C and at about 1400°C for the β-TCP and alumina (Figure 4a-b
and Table 2). The sintering temperature of Al2O3-50 wt% TCP composites began at 1100°C
(Figure 4c). It is to be noted that the presence of 50 wt% TCP in the alumina matrix decreases
the sintering temperature of the alumina by around 300°C (Figure 4c). This variation of the
sinterability is relative to the difference between the physicochemical compositions of these
powders and the mixture of their different composites.

3.2. The mechanical properties of alumina–tricalcium phosphate composites

The influence of the sintering temperature on the rupture strength of Al2O3-TCP composites
is shown in Figure 5. The mechanical resistance of Al2O3-TCP composites is studied at vari‐
ous temperatures (1400°C, 1450°C, 1500°C, 1550°C, 1600°C) for one hour with different per‐
centages of β-TCP (50 wt%, 40 wt%, 20 wt% and 10 wt%). Thus, Figure 5 illustrates the
rupture strength of the Al2O3-TCP composites relative to the percentages of the alumina and
the sintering temperature. Consequently, the rupture strength of Al2O3 mixed with 10 wt%
β-TCP reached its maximum value when sintered at 1600°C for one hour; it then decreased
with the increase of this percentage. This is how the rupture strength of the Al2O3-10 wt%
TCP composites reached 13.5 MPa.
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Figure 4. Linear shrinkage versus temperature of: (a) β-TCP, (b) α-Al2O3 and (c) Al2O3 – 50 wt% TCP composites
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Figure 5. The rupture strength of the TCP-Al2O3 composites sintered for 1 hour at various temperatures: (a) 1400°C,
(b) 1450°C, (c) 1500°C, (d) 1550°C and (e) 1600°C

Figure 6 shows the evolution of the rupture strength of the Al2O3 - 10 wt% TCP composites
sintered at various temperatures (1500°C, 1550°C and 1600°C) for different sintering times (0
min, 30 min, 60 min and 90 min). The optimum value of the rupture strength was indeed
obtained after an hour-long sintering process at 1600°C. Thus, the mechanical resistance of
the samples reached 13.5 MPa.
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Figure 5. The rupture strength of the TCP-Al2O3 composites sintered for 1 hour at various temperatures: (a) 1400°C,
(b) 1450°C, (c) 1500°C, (d) 1550°C and (e) 1600°C

Figure 6 shows the evolution of the rupture strength of the Al2O3 - 10 wt% TCP composites
sintered at various temperatures (1500°C, 1550°C and 1600°C) for different sintering times (0
min, 30 min, 60 min and 90 min). The optimum value of the rupture strength was indeed
obtained after an hour-long sintering process at 1600°C. Thus, the mechanical resistance of
the samples reached 13.5 MPa.
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Figure 6. The rupture strength of the Al2O3–10 wt% TCP composites sintered for different lengths of time at various
temperatures: (a) 1500°C, (b) 1550°C and (c) 1600°C

In this study, we showed that the presence of different amounts of alumina in the β-TCP im‐
proves the mechanical properties of Al2O3-TCP composites. In fact, the mechanical proper‐
ties of Al2O3-10 wt% TCP composites reached the optimum value by being sintered at
1600°C for one hour. Thus, the rupture strength of these composites reached 13.5 MPa. Table
3 displays several examples of the mechanical properties of the calcium phosphates and the
bone tissues. In comparison, we notice that the properties of Al2O3-10 wt% TCP composites
are close to those of pure β-TCP, pure Fap and TCP-33.16 wt% Fap composites, which have
a rupture strength of 5.3 MPa, 14 MPa and 13.7 MPa, respectively [15, 21, 25]. However, the
mechanical properties of our composites are more closely comparable to those of the pure
Fap and the TCP–33.16 wt% Fap composites (Table 3). Generally, the values found for the
mechanical strength of our composites are not identical to those in Table 3, because the au‐
thors have used different mechanical modes other than the Brazilian test. In addition, many
factors influence the mechanical properties of the samples such as: the use of particular ini‐
tial powders as well as the conditions of the treatment process.

The sintering of materials is a complex process, involving the evolution of the microstruc‐
ture through the action of several different transport mechanisms such as: surface diffusion,
evaporation- condensation, grain boundary diffusion [3]. However, producing dense TCP–
Al2O3 composites with a fine uniform microstructure through the sintering process does not
seem to be a routine process because the β-TCP has a lower sinterability and a lower sinter‐
ing temperature than those of pure alumina.
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Materials σr (a) (MPa) σc (b) (MPa) σf 
(c) (MPa) References

β-TCP 4-6 - 92 [21,27]

Fap 10-14 - - [15]

Hap - 5.35 - [115]

TCP - 75 wt% Al2O3 8.60 - - [27]

TCP – 26.52 wt% Fap 9.60 - - [21]

TCP – 26.52 wt% Fap- 5 wt% Al2O3 13.60 - - [22]

TCP – 33.16 wt% Fap 13.70 - - [25]

Hap – TCP (40:60) - 4.89 - [115]

Al2O3 - 26.5 wt% Fap 21.7 - - [31]

Cortical bone - 130-180 50-150 [1, 2]

Cancellous bone - 2-12 - [1, 2]

(a): Rupture strength (Brazilian test),

(b): compressive strength

(c): Flexural strength.

Table 3. Literature examples of the mechanical properties of calcium phosphates bioceramics and bone tissues

3.3. Characterization of alumina-tricalcium phosphate composites after the sintering
process

Figure 7 shows the 31P MAS-NMR spectra of the Al2O3-TCP composites obtained after the
sintering process for 1 hour at 1550°C with different percentages of β-TCP (50 wt%, 40 wt%,
20 wt% and 10 wt%). The addition of 50 wt% Al2O3 to the TCP matrix shows the presence of
several peaks which are assigned to the tetrahedral environment of P sites (1.03 ppm; 1.93
ppm; 3.50 ppm and 4.84 ppm) (Figure 7a). In fact, the increasing of the percentage of alumi‐
na in the TCP matrix decreases the number of the tetrahedral phosphorus site peaks which
are reduced to a large single peak with 90 wt% alumina (Figure 7 b-d). Moreover, the tetra‐
hedral environment of the phosphorus in tricalcium phosphate is not changed after the sin‐
tering process with different percentages of alumina. But the effect of the addition of
alumina to the β-TCP matrix provokes the structural rearrangement of the coordination of
phosphorus in β-TCP. Similar results were previously reported in literature [14, 26-27, 31].

The 27Al MAS-NMR spectra of Al2O3-TCP composites sintered for 1 hour at 1550°C with dif‐
ferent percentages of β-TCP (50 wt%, 40 wt%, 20 wt% and 10 wt%) are shown in Figure 8.
The chemical shifts at 35 ppm and at 7.3 ppm indicate the presence of octahedral Al sites
(AlVI) and pentahedral Al sites (AlV), respectively. The peak of pentahedral Al sites increases
with the increase of the percentage of alumina in the Al2O3-TCP composites (Figure 8 b-8d).
We notice especially the appearance of another octahedral Al peak at 18.6 ppm for alumina
sintered with 40 wt% and 20 wt% of β-TCP (Figure 8 b-d). The aluminum in the alumina is
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The 27Al MAS-NMR spectra of Al2O3-TCP composites sintered for 1 hour at 1550°C with dif‐
ferent percentages of β-TCP (50 wt%, 40 wt%, 20 wt% and 10 wt%) are shown in Figure 8.
The chemical shifts at 35 ppm and at 7.3 ppm indicate the presence of octahedral Al sites
(AlVI) and pentahedral Al sites (AlV), respectively. The peak of pentahedral Al sites increases
with the increase of the percentage of alumina in the Al2O3-TCP composites (Figure 8 b-8d).
We notice especially the appearance of another octahedral Al peak at 18.6 ppm for alumina
sintered with 40 wt% and 20 wt% of β-TCP (Figure 8 b-d). The aluminum in the alumina is
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primarily in one pentahedral Al site (35 ppm) and in one octahedral Al site (7.3 ppm) (Fig‐
ure 8e). For the alumina sintered with different percentages of β-TCP (50 wt%, 40 wt%, 20
wt% and 10 wt%), the spectra show two octahedral aluminum environments: AlO6 at about
7.3 ppm and at 18.6 ppm (Fig 8b-d). Indeed, the intensity of the octahedral signal at 18.6
ppm increases with the percentage of alumina. The estimated concentrations of AlO5 and
AlO6 are reported in Table 4. During the sintering process, the aluminum in the Al2O3-TCP
composites provokes the structural rearrangement of the coordination of aluminum. Similar
results were provisionally reported by different authors [22, 27, 31]. Indeed, these authors
show that the coordination of the aluminum in octahedral sites was forced to change into
another coordination in pentahedral sites [31]. The same authors point out that the structur‐
al rearrangement of the coordination of aluminum was probably produced by the formation
of calcium aluminates which was produced after the sintering process and the reaction be‐
tween calcium phosphates and alumina [31]. In conclusion, the 31P magic angle scanning nu‐
clear magnetic resonance analysis of different composites reveals the presence of tetrahedral
P sites, while the 27Al magic angle scanning nuclear magnetic resonance analysis shows the
presence of both octahedral and pentahedral Al sites.

Figure 7. The 31P MAS-NMR spectra of the Al2O3-TCP composites sintered for 1 hour at 1550°C with different percen‐
tages of β-TCP: (a) 50 wt%, (b) 40 wt%, (c) 20 wt% and (d) 10 wt%
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Figure 8. The 27Al MAS-NMR spectra of the Al2O3-TCP composites sintered for 1 hour at 1550°C with different percen‐
tages of β-TCP: (a) 50 wt%, (b) 40 wt%, (c) 20 wt%, (d) 10 wt% and (e) 0 wt%

Compounds AlO5 (%) AlO6 (Type 1) (%) AlO6 (Type 2) (%)

δ (ppm) 30-40 7 18

TCP - 50 wt % Al2O3 0.50 99.50

TCP - 60 wt % Al2O3 15.38 65.37 19.25

TCP - 80 wt % Al2O3 19.71 67.81 12.48

TCP- 90 wt % Al2O3 14.85 73.71 11.44

Al2O3 1.40 98.60

Table 4. Properties of pentahedral and octahedral Al sites in the Al2O3-TCP composites sintered with different
percentages of β-TCP at various temperatures for 1 hour

Figure 9 presents XRD patterns of Al2O3-TCP composites sintered at 1550°C for 1 hour with
different percentages of β-TCP. Besides, the spectra show the characteristic peaks of β-TCP
(ICDD data file no. 70-2065) and α- Al2O3 (ICDD data file no. 43-1484). This analysis shows
that the peak of alumina is predominant in the elaboration of any composite.
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Figure 9. The XRD patterns of the Al2O3-TCP composites sintered at 1550°C for 1 hour with different percentages of β-
TCP: (a) 50 wt%, (b) 40 wt%, (c) 20 wt%, (d) 10 wt% and (e) 0 wt%

The SEM technique helps to investigate the texture and porosity of any biomaterial. Figure
10 shows the fracture surface of the Al2O3-TCP composites sintered at 1550°C for 1 hour
with different percentages of β-TCP. These micrographs show the coalescence between β-
TCP grains produced with all the percentages of added alumina (Figure 10 a-d). The sam‐
ples sintered with 50 wt%, 40 wt% and 20 wt% β-TCP present cracks and an important
intragranular porosity (Figure 10 a-c). This result is a proof of the fragility of the composites
elaborated with the different percentages of alumina as shown in Figure 10a-c. In fact, the
microstructure of the composites shows different cracks relative to the allotropic transfor‐
mation of TCP (β to α) (Figure 10 a-c). But the intensity of the cracks in the composites de‐
creases with the increase in the percentage of β-TCP (Figure 10 a-d). Thus, the absence of
micro-cracking and the reduction of the sizes of the pores in the Al2O3-10 wt% TCP compo‐
sites explain the increase in the rupture strength of the samples (Figure 10 d1-d2). Indeed, the
composites present excellent mechanical properties and a good aptitude for sinterability
(Figure 10 d1-d2). The SEM micrographs of the alumina sintered without β-TCP shows an in‐
tergranular porosity (Figure 10e).

The effects of the sintering temperature on the microstructure of the Al2O3-10 wt% TCP com‐
posites are presented in Figure 11. The SEM micrographs show the coalescence between the
grains with the increase of the sintering temperature. At 1500°C, the samples present an im‐
portant intergranular porosity (Figure 11a). The microstructure of Al2O3-10 wt% TCP com‐
posites sintered at 1550°C shows a continuous phase relative to β-TCP phases and small-
sized grains relative to the alumina phases (Figure 11b). Furthermore, at 1600°C, the
boundaries between grains are evident in the micrographs (marked with arrows in Figure
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11c), confirming the best mechanical resistance of Al2O3-10 wt% TCP composites in this tem‐
perature and with the addition of 10 wt% β-TCP (Figure 11c). In fact, the continuous phases
in addition to the formed spherical pores prove that a liquid phase has appeared at 1600°C
relative probably to the allotropic transformation of the β-TCP. This similar result was ob‐
served by Bouslama and colleagues [25].

Figure 10. The SEM micrographs of the Al2O3 - TCP composites sintered at 1550°C for 1 hour with different percen‐
tages of β-TCP: (a) 50 wt%, (b) 40 wt%, (c) 20 wt%, (d1-d2) 10 wt% and (e) 0 wt%.
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Figure 11. The SEM micrographs of the Al2O3-10 wt% TCP composites sintered for 1 hour at: (a) 1500°C, (b) 1550°C
and (c) 1600°C.

The results of the microstructural investigations of Al2O3-10 wt% TCP composites sintered at
1600°C for different lengths of time (0 min, 30 min, 60 min and 90 min) are shown in Figure
12. These micrographs reveal the influence of different lengths of time on the microstructur‐
al developments during the sintering process at 1600°C. The microstructure of the samples
leads to the formation of important cracks of different sizes with composites sintered for 0
min, 30 min and 90 min (Figure 12 ba-b and 12d). The continuous phases are relative to the
β-TCP phase while the grains of a small size are relative to the alumina phase (Figure 12 ba-
b and 12d). In Figure 12c, we notice the coalescence between the grains after the sintering
process for 60 min confirming the best mechanical resistance in these conditions.

Furthermore, the sintering behavior of the Al2O3-TCP composites has been studied relative
to the β-TCP content. It has been shown that alumina should be used in order to prevent the
β-α transition of the tricalcium phosphate during the sintering process. At any rate, the re‐
sults obtained in the present work would be valuable in the performance of Al2O3 - TCP
composites resembling bone tissue engineering (Table 3). In fact, our preliminary tests indi‐
cated that the rupture strength of Al2O3-TCP composites is from 2 to 14 MPa. The optimum
value of the Al2O3 - 10 wt% TCP composites sintered at 1600°C for one hour reached 13.5
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MPa. This is true for the values of calcium phosphates fabricated by conventional techni‐
ques [116] and is close to a cancellous bone (2-12 MPa) [1-2, 117].

Figure 12. SEM micrographs of the Al2O3 - 10 wt% TCP composites sintered at 1600°C for: (a) 0 min, (b) 30 min, (c) 60
min and (d) 90 min.

According to the authors’ best knowledge, the highest values of the mechanical characteris‐
tics for different samples are detailed in Table 3. As it can be seen from this table, the various
techniques used to prepare dense sintered bioceramics affect the final density, as well as the
composition of the phase and, consequently, the final mechanical properties of samples. The
Al2O3 - 10 wt% TCP composites show high rupture strength, which is in concordance with
the other results [10, 15, 21, 25-27, 29]. The rupture strength obtained for TCP-Al2O3 compo‐
sites is from 2 to 14 MPa, within the values reported in the literature (Table 3). Moreover, the
wide variation in the reported rupture strength of the composites is due to the synthesis
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route of the β-TCP powder, the size of its particle as well as to its density; it is also due to
the application of different processing parameters.

At first, the objective of this work was to characterize the mechanical properties of alumina –
TCP composites produced after the sintering process. A sintering stage appears to be of
great importance to produce biomaterials with the required properties. Several processes oc‐
cur during the sintering process of tricalcium phosphate and bioinert oxide. Firstly, the TCP
powders are synthesized by solid reaction. Secondly, alumina – TCP powders are sintered
for production of dense bioceramics with subsequent shrinkage of the samples. Thirdly, the
mechanical properties of alumina–TCP composites are accompanied by a concurrent in‐
crease in grain size and a formation of cracks in the alumina sintered with different percen‐
tages of TCP (20 wt%, 40 wt% and 50 wt%). Besides, sintering causes the toughening and the
increase of the mechanical strength of alumina–10 wt% TCP composites. An extensive study
on the effect of the sintering temperature and time on the properties of alumina–TCP com‐
posites revealed a correlation between these parameters and density, porosity, grain size,
chemical composition and strength of different composites. The degree of densification and
mechanical properties of alumina–TCP composites appeared to depend on the sintering
temperature and the duration of sintering. Alumina–TCP powders can be pressed and sin‐
tered up to theoretical density at 1400°C–1600°C. Processing them with higher percentage of
TCP (20 wt%, 40 wt% and 50 wt%) may lead to exaggerated grain growth and formation of
cracks because of the formation of α-TCP at higher temperatures. Indeed, the allotropic
transformation of TCP is a function of the sintering temperature. The presence of cracks in
the alumina–TCP composites is reported to inhibit the mechanical properties. A definite cor‐
relation between mechanical strength and grain size in sintered alumina–TCP composites
was found: the strength started to decrease at lower sintering temperature and with higher
percentage of TCP (20 wt%, 40 wt% and 50 wt%). The sintering process of alumina – 10 wt%
TCP composites makes it possible to decrease the grain size and achieve higher densities.
This leads to finer microstructures, higher thermal stability of alumina–10 wt% TCP compo‐
sites and subsequently better mechanical properties of the prepared bioceramics composites.
The mechanical properties of alumina – TCP composites is from 2 to 14 MPa. Generally, the
mechanical properties of samples increase with the decrease in grain size. In fact, the me‐
chanical strength of alumina–10 wt% TCP composites reaches a maximum value with the
decrease in the size of the grains of composites. The optimum measured value of the
strength of the alumina–10 wt% TCP composites was 13.5 MPa. This value is compared to
those of cancellous bone. Similar values for porous HAp are in the ranges of 2-10 MPa [118].
Generally, variations of mechanical properties of samples are caused by a statistical nature
of the strength distribution, influence of remaining microporosity, grain size, presence of
impurities and Ca/P ratio [118].

In conclusion, an interfacial reaction between β-TCP and alumina has been studied in the
nanocomposites of Al2O3-TCP. It was found that the alumina did not completely react with
the β-TCP and did not form calcium aluminates. Moreover, it has been shown that the alu‐
mina prevents the formation of cracks in the microstructure of composites containing 10 wt
% of β-TCP. The mechanical characteristics should be taken into consideration in order to
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better assess the relationship between the processing conditions, the microstructural design
as well as the mechanical response.

4. Conclusions

The biomaterials of alumina-tricalcium phosphate composites have been characterized by
using MAS NMR, XRD and SEM analysis after the sintering process. The effect of β-TCP ad‐
ditive on the alumina matrix was observed in different thermal analyses: dilatometry analy‐
sis and DTA analysis. The mechanical properties have been investigated by the Brazilian
test. This investigation has allowed us to define the sintering temperature and the percent‐
age of added alumina for which β-TCP should have an optimal densification and better me‐
chanical properties. This study has also allowed us to summarize the effect of the sintering
temperature and the length of sintering time on the mechanical properties of the Al2O3-TCP
composites. The produced Al2O3-TCP composites with different percentages of β-TCP (50
wt%; 40 wt%; 20 wt% and 10 wt%) exhibited much better mechanical properties than the re‐
ported values of β-TCP without alumina. The Al2O3-TCP composites showed a higher rup‐
ture strength at 1600°C, which certainly increased with the alumina content and reached the
optimum value with 90 wt%. However, no cracks were observed in the microstructure of the
composites which contained this percentage of alumina. This is due to the allotropic trans‐
formation of the tricalcium phosphate. The partial or reversal transformation of tricalcium
phosphate (β to α or α to α’) during the cooling period could induce a residual stress within
the dense bioceramics, marking it much more brittle. Accordingly, the optimum perform‐
ance of alumina-tricalcium phosphate composites achieved 13.5 MPa. Furthermore, the best
mechanical properties of the composites were obtained after the sintering process at 1600°C
for 1 hour. With different weight rations of tricalcium phosphate: alumina (50:50, 40:60 and
20:80), the performance of the composites was hindered by the formation of both cracks and
intragranular porosity.
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1. Introduction

Polyurethanes are a family of polymers used in a variety of biomedical applications but
mainly  in  the  cardiovascular  field  due  to  their  good  physicochemical  and  mechanical
properties  in  addition  to  a  good  biocompatibility.  Traditionally,  segmented  polyur‐
ethanes (SPUs), have been used in cardiovascular applications (Kuan et al.,  2011) as per‐
manent devices such as pacemaker leads and ventricular assisting devices; however, due
to  their  great  chemistry  versatility,  SPUs  can  also  be  tailored  to  render  biodegradable
systems  for  the  tissue  engineering  of  vascular  grafts  and  heart  valves.  Therefore  many
research work have been focused on varying the  chemical  composition to  enhance  bio‐
stability or more recently to control the biodegradability of polyurethanes depending on
specific  applications  in  the  cardiovascular  field  (Bernacca  et  al.,  2002;  Stachelek  et  al.,
2006;  Thomas et  al.,  2009;  Wang et  al.,  2009;  Hong et  al.,  2010;  Arjun et  al.,  2012;  Styan
et  al.,  2012).  In  this  way,  polyurethanes  for  biomedical  applications  can be  classified in
two main types, according their relative stability in the human body as either biostables
or  biodegradables.  In  this  chapter,  general  aspects  of  polyurethanes  chemistry  are  pre‐
sented  first  and  then,  the  various  types  of  degradations  that  can  affect  these  polymers
both  in  vivo  and  simulated  in  vitro  conditions.  Emphasis  is  also  made  on  the  mecha‐
nism of degradation under various conditions and the techniques used for following the
changes in their properties.

© 2013 Cauich-Rodríguez et al.; licensee InTech. This is an open access article distributed under the terms of
the Creative Commons Attribution License (http://creativecommons.org/licenses/by/3.0), which permits
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2. Chemistry of polyurethanes

2.1. Synthesis of polyurethanes

Polyurethanes (PU’s) properties depend both on the method of preparation and the mono‐
mers used. In general, PU’s can be prepared in one shot process or more commonly by a two
step method, especially for the case of segmented polyurethanes (SPU’s). These materials
are thermoplastic block copolymers of the (AB)n type consisting of alternating sections of
hard segments, composed of a diisocyanate and a low molecular weight diol chain extender,
and soft segments, generally composed of various types of polyols, also called macrodiols.
In the two steps method for SPU synthesis, a prepolymer is first obtained and then chain
extended as illustrated in Figure 1. In the first step, an excess of the diisocyanate reacts with
the soft segment polyol to form the prepolymer. Here, the characteristic urethane linkages
are formed through the reaction between the isocyanate groups and the hydroxyl-terminat‐
ed end groups of the polyol. In the second step, the low molecular weight chain extender is
used to link the prepolymer segments yielding a high molecular weight polymer. During
this stage, additional urethane functional groups are formed when using a diol chain ex‐
tender whereas ureas are produced when a diamine is used.

Figure 1. Standard two-step reaction to prepare segmented poly (urethane)s and poly(urethane-urea)s
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The  properties  of  polyurethanes  as  those  shown  in  Figure  1  depend  on  the  various
types of  monomers that are used during their  manufacturing (see Table 1).  Historically,
biostable polyurethanes were first  developed by using polyether type of polyol and dif‐
ferent  aromatic  diisocyanates.  Further  developments  in  this  area  were  focused  on  the
substitution  of  the  polyether  macrodiol  by  novel  hydrocarbon,  polycarbonate  or  silox‐
ane macrodiols (Gunatillake et al.,  2003) or a combination of these which in general are
responsible  for  the flexibility  of  the  SPUs (Król,  2007).  In  addition to  the  polyol  chemi‐
cal  composition,  their  molecular  weight  and  concentration  have  an  important  effect  in
the  polyurethane  behavior.  They  can  be  incorporated  in  various  concentrations  but  up
to 50-75% of the polyol is  common.

Commercial  and experimental  polyurethanes have been synthesized by the combination
of  the  aforementioned monomers.  Poly(tetramethylene  oxide)  (PTMO) is  the  most  com‐
mon polyether in conventional medical formulations (Silvestri  et  al.,  2011).  Thus, for ex‐
ample,  the  Pellethane®  2363  80A  and  ElasthaneTM  80A  are  poly(ether-urethane)s
obtained  by  the  reaction  of  PTMO,  MDI  and  BD  monomers;  Tecoflex®  by  Thermedics
is  also  a  poly(ether-urethane)  synthesised  by  the  reaction  of  PTMO,  HMDI  and  BD
monomers  while  Biomer® is  a  poly(ether-urea-urethane)  synthesized  from PTMO,  MDI
and  ethylenediamine.  Bionate®,  Myo  LynkTM  and  Chronoflex  are  polyurethanes  pre‐
pared with polycarbonate diol.  These commercial  polyurethanes are typical  examples of
biostables polymers.

The use of vegetable raw materials containing hydroxyl groups such as starch, castor oil,
vegetable oil, natural rubber, cellulose, etc, makes possible to obtain biodegradable polyur‐
ethanes (Krol, 2007; Aranguren et al. 2012). However, ester polyol commonly used to syn‐
thesize biodegradable polyurethanes are polycaprolactone, polylactic acid and adipate
polyols. Polyethyleneglycol is a polyether which has been copolymerized with poly lactic
acid and/or polycaprolactone because its higher hydrofilicity can accelerate the biodegrada‐
tion when this is required (Guan et al., 2005b; Wang et al., 2011b).

The most frequently used diisocyanates in the synthesis of biodegradable polyurethanes for
biomedical applications are aliphatic or cycloaliphatic as MDI and TDI which can release
carcinogenic and mutagenic aromatic diamines (Heijkants et. al., 2005). Aliphatic diisocya‐
nates are less reactive than the aromatic counterparts but have a greater resistance to hydrol‐
ysis compared to aromatic diisocyanates, although this resistance frequently results in lower
mechanical properties (Gogolewski, 1989).

In general, there are two types of compounds that are generally used as chain extenders, di‐
ols or diamines, which can either be aliphatic or aromatic, depending on the required prop‐
erties in the synthesized polyurethanes. New chain extenders, including amino acids have
been also used during polyurethane synthesis as isocyanates can react vigorously with
amine, alcohol, and carboxylic acids (Thomson, 2005). These novel chain extenders have
been used to synthesize biodegradable polyurethanes (Skarja et al., 1998; Marcos-Fernández
et al., 2006; Sarkar et al., 2007).
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Monomeric

component
Type Chemical compound Type of polyurethanes

Polyol

(macrodiols)

Polyethers

Poly(ethylene oxide) (PEO)
Biostables, Biodegradables (Sarkar et al., 2009; Lu

et al., 2012)

Poly(propylen oxide) (PPO) Biostables, Biodegradables (Francolini et al., 2011)

Poly(tetramethylene oxide)

(PTMO)
Biostables (Silvestri et al., 2011; Jiang et al., 2012)

Poly(caprolactone) (PCL) Biodegradables (Sarkar et al., 2009; Lu et al., 2012)

Poly(lactic acid) (PLA) Biodegradable (Wang et al., 2011a)

Poly hydroxyalkanoates (PHA) Biodegradables (Li et al., 2009; Liu et al., 2009)

Poly(ethylene adipate) (PEA) Biodegradables (Macocinschi et al., 2009)

Others

Poly(carbonate) (PCU) Biostables (Spirkova et al., 2011)

Polybutadiene (PBD) Biostables (Thomas et al., 2009)

Poly(dimethylsiloxane) (PDMS) Biostables (Park et al., 1999; Madhavan et al., 2006)

Diisocyanate

Aromatic

Methylene diphenyl

diisocyanate (MDI)

Biostables (Gunatillake et al., 1992; Styan et al.,

2012)

2,4-toluene diisocyanate (TDI) Biostables (Labow et al., 1996; Basak et al., 2012)

Aliphatic

4,4′-methylene bis(cyclohexyl

isocyanate) (HMDI)

Biostables, Biodegradables (Thomas et al., 2009;

Chan-Chan et al., 2010)

1,6- hexamethylene

diisocyanate (HDI)

Biostables, Biodegradables (Wang et al., 2011a;

Baudis et al., 2012)

1,4-butane diisocyanate (BDI)
Biostables, Biodegradables (Heijkants et al., 2005;
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presence of water causes isocyanate groups to form unstable carbamic acids, which subse‐
quently decompose to amines with the liberation of CO2 gas (see Figure 2). These newly
formed amines react with isocyanates to form ureas, thus changing reactant stoichiometry
and leading to lower molecular weight polymers. Additives are sometime used for improv‐
ing specific properties of the polyurethane, for example Vitamin E and Santowhite®, two
hindered phenolic antioxidants, prevents oxidative chain scission and crosslinking of
poly(ether urethane) by capturing oxygen radicals (Schubert et al., 1997; Christenson et al.,
2006). Di-tert-butylphenol and bisphosphonates have been incorporated to promote bro‐
moalkylation of urethane nitrogens in prepolimerized polyurethanes to inhibit the oxidation
or calcification (Alferiev et al., 2001; Stachelek et al., 2007). Other compounds as fluorocar‐
bon or polydimethylsiloxane end groups have been attached to the surface of polyurethanes
in order to enhance their biostability and hemocompatibility (Ward et al., 2007; Xie et al.,
2009; Jiang et al., 2012).

In general, monomer type and stoichiometry, type and concentration of catalyzer, tempera‐
ture and moisture, and the use of additives are important in parameters for controlling the
properties of these polymers.

Figure 2. Secondary reactions involved during polyurethane synthesis

3. In vivo degradation

SPU´s traditionally has been used in medical devices due to their excellent mechanical prop‐
erties and an acceptable hemocompatibility. However, in the long term they suffer from
poor biostability (Santerre et al., 2005). The main reason of this behavior is that living tissues
are a very aggressive environment and even when the degradation of these polymers can be
simulated by in vitro experiments, after in vivo usage they can be severally degraded. The in
vivo failure of polymeric cardiovascular devices has been attributed to a combination of hy‐
drolysis, oxidation, environmental stress cracking and calcification. However, depending on
the composition of the polymer one of these predominate over the other.
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Polymer degradation in the biological environment results from the synergistic effects of
the enzymes present in biological fluids,  oxidizing agents and mechanical loads. For ex‐
ample,  α-2-macroglobulin,  cholesteryl  esterase,  A2  fosfolipase,  K  protease  and B  Cathe‐
psin are enzymes that are known to degrade polyurethanes (Zhao et al.,  1993; Dumitriu,
2002).  Even  when  some  enzymes  require  very  specific  biological  substrates,  some  of
them seem to  recognise  and  act  over  non  biological  substrates  such  as  polymers  (San‐
terre et  al.,  2005).  White  blood cells  play also an important  role  in the in  vivo  degrada‐
tion.  Some  experiments  conducted  using  implanted  metallic  cages  have  shown  that
neutrophiles,  monocytes,  monocyte derived macrophages (MDM) attach to polymer sur‐
faces,  leading to the presence of multinucleated giant cells and foreign body reaction. It
is  generally  accepted  that  one  of  the  immediate  immune  responses  by  the  body  is  the
release of reactive oxygen species (ROS). In addition, neutrophils and monocytes release
hypochlorous acid (HClO) and lysosomal hydrolases as part  of  their  reaction to foreign
surfaces.  It  has  been also  reported that  activated MDM release  ROS leading to  the  for‐
mation of hydrogen peroxide (Christenson et al.,  2006; McBane et al.,  2007).  In addition,
during the  inflammatory reaction macrophages  are  able  to  lower  the  local  pH up to  4.
This condition can be simulated by following the ISO 10993 section 5.

Suntherland  et  al.  (Sutherland  et  al.,  1993)  suggested  that  poly(ether  urethanes)  (PEU)
cannot be significantly degraded by preformed products of phagocytic cells (such as cat‐
ionic proteins and proteases) or by activated oxygen species such as superoxide and hy‐
drogen peroxide. In view of the chemically stable nature of PEU, they hypothesized that
the in vivo  degradation of these materials might involve attack by chlorine-based and/or
nitric  oxide  (NO)-derived  oxidants,  major  oxidative  products  of  activated  phagocytes.
Therefore,  they  exposed  Pellethane  to  polymorphonuclear  neutrophils  (PMN)  isolated
from heparinized venous  blood drawn from normal  adult  donors.  The  results  reported
support the idea that PMN-generated chlorine compounds are likely responsible for ini‐
tial  damage to PEU after brief  implantation and in addition to macrophage-derived NO
and/or peroxynitrite (ONOO-).

Van Minen et al. (van Minnen et al., 2008) studied the in vivo (26 weeks of subcutaneous im‐
plantation in rats and 2.5 years in rabbits) degradation of porous aliphatic SPU based on bu‐
tanediisocyanate, DL-lactide-co-caprolactone soft segments and extended with BD-BDI-BD
block urethane. After 1 week macrophages were observed along with giant cells and after 4
week phagocytosis was observed. The number of these cells was reduced with time but after
3 years fragments of the polymer remained. Furthermore, few macrophages were observed
in the lymph nodes suggesting their local degradation.

Adhikari et al. (Adhikari et al.,  2008) studied the in vivo  degradation of two-part injecta‐
ble biodegradable polyurethane prepolymer systems (prepolymer A and B) consisting of
lactic  acid and glycolic  acid based polyester  star  polyols,  pentaerythritol  (PE)  and ethyl
lysine  diisocyanate  (ELDI)  using sheep femoral  cortical  defect  model.  No adverse  acute
or  chronic  inflammatory  tissue  response  was  noted  in  the  interface  tissues  of  the  pre‐
cured  polymer  implants.  By  6  weeks,  there  was  direct  apposition  of  new  bone  to  the
polymers.  New  bone  and  fibrovascular  tissue  was  also  observed  within  the  porous
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spaces of  the precured polymers by 6  weeks,  and fluorochrome analysis  suggested that
this bone had started to be laid down at between 4 and 5 weeks.  The polymer without
β-tricalcium  phosphate  (TCP)  showed  histological  evidence  of  some  degradation  by  6
weeks with progressive increase in polymer loss by 12 and 24 weeks. The polymer with
β-TCP  showed  no  evidence  of  degradation  at  6  weeks  and  only  minimal  loss  at  12
weeks.  By  12  weeks,  there  had  been  considerable  degradation  of  the  polymers  and  at
week 24, polymer was completely degraded.

The in vivo degradation of segmented poly(urethane urea)s (SPUUs) with hard segments de‐
rived only from methyl 2,6-diisocyantohexanoate (LDI) and PCL, PTMC (polytrimethylene
carbonate), P(TMC-co-CL), P(CL-co-DLLA), or P(TMC-co-DLLA) as soft segment was con‐
ducted by Asplund et al. (Asplund et al., 2008). The in vivo study of SPUU-PCL using male
Sprague-Dawley rats displayed the typical foreign body response seen with most inert poly‐
meric implant materials. The reaction at 1 week thus displayed an infiltration of ED1 posi‐
tive macrophages closest to the implant surface, an outside layer of fibroblasts and some
collagen formation. At 6 weeks, the foreign body capsule had matured, displaying lower
numbers of interfacial macrophages and an increased amount of collagen in the fibrotic cap‐
sule. The thickness of the foreign body capsule was similar to the controls. These observa‐
tions seemed also to be reflected in the number of ED1 positive macrophages, as well as in
the total number of cells throughout the reactive capsule.

Hafeman et al. (Hafeman et al., 2008) synthesized polyurethane scaffolds by one-shot reac‐
tive liquid molding of hexamethylene diisocyanate trimer (HDIt) or lysine triisocyanate
(LTI) and a polyol as hardener. Trifunctional polyester polyols of 900-Da and 1,800-Da mo‐
lecular weight were prepared from a glycerol starter and 60% ε-caprolactone, 30% glycolide,
and 10% D,L-lactide monomers, and stannous octoate catalyst. Tissue response was evaluat‐
ed by subcutaneous implantation in male Sprague-Dawley rats for up to 21 days. During
this time, initial infiltration of plasma progressed to the formation of dense granulation tis‐
sue. All of the implants showed progressive invasion of granulation tissue with little evi‐
dence of an overt inflammatory response or cytotoxicity. Fibroplasia and angiogenesis
appeared to be equivalent among the different formulations. Extracellular matrix with dense
collagen fibers progressively replaced the characteristic, early cellular response. The LTI
scaffolds exhibited a greater extent of degradation at 21 days, although the incorporation of
PEG into the HDIt scaffold accelerated its degradation significantly. Degradation rates were
much higher in vivo. With time, each of the materials showed signs of fragmentation and en‐
gulfment by a transient, giant cell, foreign body response. After the remnant material was
resorbed, giant cells were no longer evident.

Khouw et al. (Khouw et al., 2000) reported that the foreign body response to degradable ma‐
terials differs between rats and mice. van Minnen et al., (van Minnen et al., 2008) also sug‐
gested that it is possible that the response between rats and rabbits differs as well, due to the
faster degradation in the rabbit. This may be related to differences at the enzymatic or cellu‐
lar level, but also to the highly mobile and well vascularized skin of the rabbit, as compared
to the rat.
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3.1. Calcification

Mineralization or calcification (formation of various types of calcium phosphates such as
apatite) is a well documented event in various medical devices, especially in those used
in the cardiovascular field. Calcification is in fact, the most common macroscopic cause of
failure in heart valves including those made of polyurethanes (Santerre et al., 2005). Even
when  calcification  has  been  identified  in  heart  valves,  in  vitro  experiments  on  SPU
showed little mineralization and associated exclusively to failure regions,  indicating that
the SPU´s have a lower intrinsic capacity for calcification compared to bovine bioprosthe‐
sis (Bernacca et al., 1997).

3.2. Thrombosis

Plasma  protein  adsorption  is  well  accepted  as  one  of  the  first  events  to  occur  when
blood  is  in  contacts  with  a  biomaterial.  These  adsorbed  proteins  mediate  the  subse‐
quent interactions of  cells  and platelets  with the surface and may induce thrombus for‐
mation,  which remains one of  the major  problems associated with the long-term use of
blood-contacting medical  devices.  The surface  properties  of  the  implanted materials  are
determinant  in  protein  adsorption and biological  interactions  with  the  material.  The  ef‐
fects  of  various physicochemical  properties  such as  surface hydrophilicity/hydrophobici‐
ty  balance,  surface  charge  density,  ability  to  form  hydrogen  bonds,  and  chemical
composition  of  biomaterials  on  protein  adsorption  as  well  as  subsequent  blood platelet
adhesion have been investigated (Xu et  al.,  2010).

Antithrombogenicity  is  one  of  the  essential  requirements  for  a  vascular  graft,  but  it  is
very  difficult  to  achieve.  There  are  two  common  approaches  employed  to  attain  this
goal.  One  is  to  develop  biomaterials  with  inherent  antithrombogenicity  or  to  use  sur‐
face modified biomaterials  with an anticoagulant.  The other  approach is  to  quickly and
completely  endothelialize  the  inner  surface  of  the  tubular  scaffolds,  thereby,  reducing
thrombogenicity (Yan et  al.,  2007).

Thrombosis  is  a  leading  cause  of  vascular  graft  failure  in  small-diameter  prostheses,
where  it  leads  to  decreased  flow  or  occlusion.  In  addition  to  inducing  acute  or  suba‐
cute  failure  of  grafts,  it  may  be  a  cause  of  late  failure  owing  to  thrombosis  superim‐
posed on stenosis  due to other causes of  vessel  narrowing,  such as intimal hyperplasia.
Methods  to  improve  vascular  grafts  (e.g.,  antithrombotic  therapy)  have  been  shown  to
be  beneficial  in  decreasing  graft  occlusion  after  surgery.  Agents  known  to  inhibit
thrombogenesis  or  promote anticoagulation (e.g.,  heparin,  prostaglandin E1,  hirudin,  di‐
pyridamole,  tissue  factor  pathway  inhibitor  and  aspirin)  have  also  been  bound  to  the
lumen of the synthetic vessels (Wang et  al.,  2007;  Lu et  al.,  2012).

3.3. Environmental stress cracking and metal ion oxidation

Traditionally, SPUs have been used as permanent devices such as pacemaker leads insula‐
tion and ventricular assisting devices. When used as pacemaker lead insulators, they substi‐
tute silicone rubbers and have been used as biostable polymer for outer or inner insulated
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coating of coaxial bipolar pacemakers. Unfortunately, decades of experience showed that
they were degraded by environmental stress cracking (ESC) or metal ion oxidation (MIO) or
even autooxidation (AO) within a period of 28 and 34 months.

Environmental stress cracking includes crack formation and propagation on the surface of
the polyurethane (Santerre et al., 2005). However, this type of degradation is a combination
of the in vivo chemical degradation with the presence of mechanical stresses. In other words,
polymer chain scission caused by the chemical degradation, create microscopic defects that
are augmented by the presence of mechanical loads, leading to the formation of cracks on
the surface (Wiggins et al., 2003). ESC it is also enhanced by the presence of residual stresses
in the polymeric surface introduced during manufacturing and not eliminated during poly‐
mer annealing (Santerre et al., 2005).

The generally accepted in vivo degradation MIO mechanism involves the presence of hydro‐
gen peroxide (H2O2) produced by a variety of inflammatory cells (McBane et al., 2007; Chan‐
dy et al., 2009) and divalent metal ion such as Co2+ released from the lead. This reaction is
known as the Haber-Weiss reaction and yields hydroxyl radicals that can attack α-methyl‐
ene groups in the polyether (PTMO based polyurethanes) to render hydroperoxydes with
decompose in the presence of divalent cations rendering carbonyl groups that can accelerate
(catalyse) further this decomposition (Kehrer, 2000; Wiggins et al., 2001). Polyether diol
based polyurethanes are prone to oxidation and environmental stress cracking (ESC) (Król,
2007). However, polycarbonate based-polyurethanes (PCNUs) have been proven superior to
polyether and polyester PUs, especially in terms of reduced ESC and metal ion oxidation
(MIO), although they are still susceptible to hydrolysis (McBane et al., 2007).

Environmental  stress  cracking,  calcification and thrombosis  only  became evident  after  a
sufficiently  long-term  implantation  of  several  years.  For  biodegradable  PUs,  which  are
designed  to  degrade  in  a  relative  short  period  (several  months),  the  effective  degrada‐
tion  mechanisms  are  hydrolysis  with  or  without  the  assistance  of  enzymatic  catalysis
(Chen et  al.,  2012).

4. In vitro degradation to simulate in vivo degradation

In vivo experimentation using an animal model is not always available for elucidating the
degradation mechanism of polyurethanes. Instead, various in vitro experiments have been
designed to simulate their in vivo degradation. Among these tests, hydrolytic degradation
has been conducted using distilled water (at elevated temperature), strong acids and alka‐
lies, and sometimes physiological conditions using Phosphate Buffer Saline (PBS) as degra‐
dating media.

4.1. Hydrolytic degradation

Degradation of segmented polyurethanes through hydrolysis depends strongly not only on
the chemical composition of the soft segment, when is the major component, but also on the
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rigid segment chemistry. It is generally accepted that water absorption is a necessary condi‐
tion for hydrolytic degradation of materials. Therefore, in a typical hydrolytic degradation
test the rate of water absorption (or sample weight gain) can be correlated with sample
weight loss (Mondal et al., 2012).

The presence of labile ester linkages in PCL containing polyurethanes makes them suscepti‐
ble to degradation in the presence of water (Gunatillake et al., 1992; Nakajima-Kambe et al.,
1999; Kannan et al., 2006). This type of reactions is catalysed by the presence of acids or alka‐
line compounds. In some cases, the acid is produced by the degradation of the soft segment;
caproic acid in the case of PCL or lactic acid in the case of PLA. Polyester urethanes are more
prone to hydrolytic degradation although they are more resistant to oxidative environments
as can be observed in Table 2, where PCL based polyurethanes (BSPU1 and BSPU2) and a
commercial polyether polyurethane (Tecoflex) are compared (Chan-Chan et al., 2010).

H2O NaOH 5M HCl 2N H2O2 30 wt.%

BSPU1* 1.46 ± 0.08 63.42 ± 7.63 82.70 ± 2.60 13.08 ± 3.35

BSPU2* 6.15 ± 1.35 87.23 ± 4.76 52.65 ± 13.26 19.07 ± 7.01

Tecoflex 0.63 ± 0.3 1.66 ± 0.66 1.48 ± 1.62 2.16 ± 1.47

* BSPU’s were prepared with PCL, HMDI and either butanediol (BSPU1) or dithioerythritol (BSPU2) as chain extenders.

Table 2. Polyurethane mass loss (%) after degradation under hydrolytic and oxidative accelerated conditions

Because of the susceptibility of the ester groups to hydrolysis, biodegradable poly(ester ure‐
thanes) degrade in vitro through bulk erosion via chain scission. During hydrolysis, new car‐
boxylic acid groups are formed that auto-catalyze the degradation, leading to faster
degradation in the bulk than at the surface. Thus, a decrease in molecular weight preceding
the loss of mechanical properties and weight loss is typical for such degradation. In addi‐
tion, an increase in crystallinity is observed, if the soft segment contains a crystalline frac‐
tion. Polyesters in the soft segment will, therefore, increase the effect of hydrolysis
compared with polyether or polycarbonates (Ma et al., 2012).

Tanzi et al. (Tanzi et al., 1991) degraded various commercial polyurethanes used in the car‐
diovascular field among them Cardiothane 51, Pellethane 2363 80A, Estane 5714 Fl, Estane
58810 and Biomer. The degradation was conducted in water or alkaline borate buffer (pH
10) at 37˚C, 60˚C and 85˚C from 96 h to 168 h. They found that after hydrolytic degradation
in distilled water at 85˚C for 96 h, borate buffer during 96 h at 60˚C and borate buffer during
168 h at 37˚C there were no changes in tensile properties although a reduction in molecular
weight was reported.

Polyester urethanes based on methylene-bis(4-phenylisocyanate) (MDI), BD and polyadi‐
pate diol were prepared by Pretsch (Pretsch et al., 2009) and accelerated degradation studied
in distilled water at 80˚C where the degradation process was followed by DSC. It was found
that the intensities of the melting peaks and therefore the crystallinity of the soft segments
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increase after one day. Then, two main degradation scenarios were proposed: first, a hydro‐
lytic scission of polymer chains in the molten soft segments take place, which is accelerated
by the ‘‘high’’ immersion temperature; second, and on top of it, there is an annealing effect.
For example, the domains of segmented polyurethane elastomers may become unstable at
high temperatures and mixing of hard and soft segments is enforced.

Wang et al. (Wang et al., 2011a) prepared segmented polyurethanes based on poly(D,L-lactic
acid)diol, hexamethylene diisocyanate (HDI) and with either peperazine (SPU-P), 1,4-buta‐
nediol (SPU-O) or 1,4-butanediamine (SPU-A) as chain extenders. The degradation process
was conducted in double distilled water at 37˚C and 50 rpm. For these SPUs, acidic groups
from the degradation of PDLLA and BD could reduce the pH value of medium, while the
dissolution of the hard segment (amide group and carbamide) could alkalize the medium;
after 12 weeks, the pH values of SPU-O, SPU-A and SPU-P were 2.57, 3.87 and 3.71, respec‐
tively. These results suggest that the chain extender can play a main role in the degradation
mechanism as using an alkaline chain extender can neutralize the acidity, the hydrophilicity
and hydrolysis sensitivity of these bonds.

4.2. Oxidative degradation

Polyether urethanes (PEU) are readily degraded by oxidative conditions (Stachelek et al.,
2006). Furthermore, the presence of metallic ions such as cobalt accelerates this process (Gu‐
natillake et al., 1992; Dumitriu, 2002; Santerre et al., 2005). The MIO mechanism was repro‐
duced in vitro by immersing a lead into a hydrogen peroxide solution. In a different in vitro
test, a sealed PEU tube containing cobalt metal in the center was immersed into a 3% hydro‐
gen peroxide solution and MIO was observed on the inner surface of the tube. The cobalt
ion and hydrogen peroxide react to form hydroxyl radicals, simulating the oxidative radi‐
cals present at the material-macrophage interface.

Takahara et al. (Takahara et al., 1991) degraded SPU´s based on MDI, BD (50% rigid seg‐
ment content) and various polyols using 0.1 M AgNO3 oxidative solution. They found a re‐
duction in mechanical strength of those SPU´s based on PTMO due to surface cracking
related to ether scission upon oxidation.

Suntherland et al. (Sutherland et al., 1993) degraded Pellethane 2363 80A using 10 mM
HClO in phosphate buffer (PB) at 25°C. In addition, peroxynitrite (ONOO-) degradation
was achieved via the oxidation of hydroxylamine in an oxygen atmosphere at elevated pH.
They observed a significant reduction in molecular weight, increase in polydispersity index
and an increasing content of oxygenated species on the polymer surface.

Tanzi et al. (Tanzi et al., 2000) studied the oxidative degradation of polyether (Pellethane
2363 80A) and polycarbonate (Corethane 80A, Bionate 80A and Chronoflex AL 80A) ure‐
thanes in 0.5 N nitric acid (acidic) and sodium hypochlorite (4% Cl2, alkaline) up to 14 days
at 50˚C and under constant strain (100%). It was found that PEU were more degraded under
alkaline oxidation (HClO) mainly in the absence of applied strain while PCU was more af‐
fected by HNO3.
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Our  own  work  using  Tecoflex  as  model  PEU  degraded  in  H2O2  did  not  show  signifi‐
cant  changes  in  FTIR  absorptions  and  only  small  differences  in  the  bands  located  at
3330 cm-1 and 1660 cm-1 were observed (see Figure 3),  although this was clear when the
polyol  was  tested  alone.  However,  TGA  revealed  that  their  degradation  temperature
were  lowered  and  the  amorphous  content  determined  by  XRD  only  exhibited  a  little
changes (Chan-Chan et  al.,  2010).

Figure 3. Chemical and structural changes in Tecoflex after degradation under oxidative conditions

4.3. Degradation in physiological media

Poly(ester urethane)urea (PEUU) and poly(ether ester urethane)urea (PEEUU) from poly‐
caprolactone, polycaprolactone-b-polyethylene glycol-b-polycaprolactone, BDI and putres‐
cine were prepared by Guan et al. (Guan et al., 2005a) and degraded in phosphate buffered
saline (PBS, pH=7.4) at 37˚C; scaffold degradation was related to the porosity and polymer
hydrophilicity. The scaffolds exhibited progressive mass loss over the 8-week period rang‐
ing from 13.3% to 20.7% for PEUU scaffolds and from 25.4% to 47.3% for PEEUU scaffolds.
In this study, the polymer films and scaffolds did not show evidence of an autocatalytic ef‐
fect during the monitored degradation process. Furthermore, the presence of BDI and 1,4-
butanediamine in the hard segment of PU yielded putrescine as degradation product, which
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is already present in the body and has been implicated as an important mediator of cellular
growth and differentiation in response to growth factors.

Two gelatin based poly(ester urethane) were prepared by Sarkar et al. (Sarkar et al., 2006)
using polyethylene lactate ester diol as a soft segment, and degraded in phosphate buffer
saline solution (pH 7.4) at 37°C in a Biochemical Oxygen Demand (BOD) incubator shaker. It
was found that the weight loss (up to 45.7% in 30 days) occurred due to the hydrolytic deg‐
radation of the gelatin based polyester urethane scaffold by PBS solution and it was propor‐
tional to the gelatin content.

Sarkar et al. (Sarkar et al., 2008) prepared segmented polyurethanes using polyethylene gly‐
col (PEG) or poly caprolactone diol (PCL) as the soft segment while hexamethylene diiso‐
cyanate (HDI) or dicyclohexylmethane 4,4-diisocyanate (HMDI) were used with
desaminotyrosyl tyrosine hexyl ester (DTH) as the chain extender in the rigid component.
For degradation in PBS (0.1M, pH 7.4 containing 200 mg of sodium azide) samples were in‐
cubated at 37˚C. It was found that PEG-based polyurethanes degrade at a faster rate com‐
pared with PCL-based polyurethanes due to their hidrophillicity and that this effect was
marked when using high molecular weight PEG. It was also found that more amorphous
SPU (i.e. exhibiting more phase mixing and therefore more urethane linkages H-bonded
with the soft segment), such as those prepared with HMDI, degrade faster as they absorb
more water.

Knight et al. (Knight et al., 2008) studied new hybrid thermoplastic polyurethane (TPU) sys‐
tem that incorporates an organic, biodegradable poly(D,L-lactide) soft block with a hard
block bearing the inorganic polyhedral oligosilsesquioxane (POSS) moiety and degraded
them in PBS buffer at 37 °C over a 2 months period. They found that less than 4% of the
original mass elutes from the sample after a month in the buffer, most likely from chain
ends on the surface of the sample undergoing hydrolysis. Although only a small mass loss
was observed, the molecular weight of the samples dropped dramatically after only one
week to 40% of the initial molecular weight.

Biodegradable ionic polyurethanes (PUs) were synthesized from methylene di-p-phenyl-dii‐
socyanate (MDI), polycaprolactone diol (PCL-diol) and N,N-bis (2-hydroxyethyl)-2-amino‐
ethane-sulfonic acid (BES) by Zhang et al. (Zhang et al., 2008). In vitro degradation of the
PUs was evaluated by recording the samples’ weight loss, molecular weight changes, and
mechanical properties changes over time in PBS buffer solution at 67°C to accelerate degra‐
dation. Although there was a 20% molecular weight reduction, degradation rate was lower
in those PUs containing sulfonic acid compared to PU´s without this chain extender. This
was explained in terms of their higher phase separation.

Segmented polyurethane based on poly(ε-caprolactone), ethyl lysine diisocyanate or hexam‐
ethylene diisocyanate in combination with ethylene glycol or ester from ethylene glycol and
lactic acid (2-hydroxyethyl 2-hydroxypropanoate) were degraded in vitro (0.1 M phosphate
buffered saline at 37°C in a shaken incubator set at 50 rpm (ASTM F 1635)) over a 1 year
period (Zhang et al., 2008). It was found that all polyurethanes exhibited considerable mo‐
lecular weight decrease over the test period and ester chain extender polyurethanes showed
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the highest mass loss and that it was directly proportional to hard segment not to the PCL
used as soft segment.

Guelcher et al. (Guelcher et al., 2008) prepared injectable polyurethanes by two-component
reactive liquid molding of low-viscosity quasi-prepolymers derived from lysine polyisocya‐
nates and poly(3-caprolactone-co-DL-lactide-co-glycolide) triols and degraded porous discs
by incubation in PBS at 37˚C and 5% CO2 for 2, 4, 6, and 8 months. They found that these
polymers degrade by hydrolysis of ester linkages to yield α-hydroxy acids and soluble ure‐
thane fragments. Furthermore, the materials prepared from PCL triol exhibit minimal (e.g.,
<5%) degradation after 8 months. However, materials prepared from P6C3G1L (triol synthe‐
sized from a glycerol starter and a mixture of monomers comprising 60% caprolactone, 30%
glycolide, and 10% DL-lactide) exhibit 15-27% mass loss after 8 months.

Multi-block poly(ether ester urethane)s consisting of poly[(R)-3-hydroxybutyrate] (PHB),
poly(propylene glycol) (PPG), and poly(ethylene glycol) (PEG) were prepared by Loh et al.
(Loh et al., 2007). The poly(PEG/PPG/PHB urethane) copolymer hydrogels were hydrolyti‐
cally degraded in phosphate buffer at pH 7.4 and 37°C for a period of up to 6 months. The
degradation products in the buffer were characterized by GPC, 1H NMR, MALDI-TOF, and
TGA. The results showed that the ester backbone bonds of the PHB segments were broken
by random chain scission, resulting in a decrease in the molecular weight. In addition, the
constituents of degradation products were found to be 3-hydroxybutyric acid monomer and
oligomers of various lengths (n= 1–5).

Multiblock poly(ether ester urethane)s comprising of poly(lactic acid) (PLA), poly(ethylene
glycol) (PEG), and poly(propylene glycol) (PPG) segments and hexamethylene diisocyanate
were synthesized by Loh et al. (Loh et al., 2008). Their degradation process in pH 7.4 buffer
solution (8.0 g of NaCl, 0.2 g of KCl, 1.44 g of Na2HPO4, and 0.24 g of K2H2PO4 in 1 L of solu‐
tion) was studied over a period of 3 months. Multi-modal GPC profiles of these polymers
suggested that the polymer degrades in fragments with molecular weight of about 2000,
4000, 6000 and 8000 g/mol. These gels degraded at a much faster rate than the previously
reported PEG-PPG-PHB poly(ester urethane) thermogels, which were reported to degrade
over a period of 6 months.

Degradation of segmented poly(urethane urea)s (SPUUs) with hard segments derived only
from methyl 2,6-diisocyanatehexanoate (LDI) and PCL, PTMC, P(TMC-co-CL), P(CL-co-
DLLA) or P(TMC-co-DLLA) as soft segment was conducted by Asplund et al. (Asplund et
al., 2008). For the hydrolysis study, sterile and nonsterile samples were placed in 40 mL PBS
buffer solution (pH 7.4) and put in an oven at 37˚C. Degradation was studied after 5, 10, 15,
and 20 weeks and analyses performed in triplicate for each sample. The effect of sterilization
was studied after 10 weeks of hydrolysis. Physical ageing was studied after 5 and 15 weeks
at 50˚C. They found that the degradation rate was dependant on the soft segment structure,
with a higher rate of degradation for the polyester-dominating PUUs exhibiting a substan‐
tial reduction in intrinsic viscosity. A tendency of reduction of tensile strength and strain
hardening was seen for all samples. Also, loss in elongation at break was detected, for PUU-
P(CL-DLLA) it went from 1600% to 830% in 10 weeks. Gamma radiation caused an initial
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loss in inherent viscosity and induced more rapid hydrolysis compared with nonsterilized
samples, except for PUU-PTMC.

Yeganeh et al. (Yeganeh et al., 2007) prepared epoxy terminated polyurethanes from glyci‐
dol and isocyanate-terminated polyurethanes made from poly(ε-caprolactone) (PCL) or
poly(ethylene glycol) (PEG) and 1,6-hexamethylene diisocyanate. Degradation studies were
performed using tris buffered saline solutions (TBS; 0.05, 0.1molL−1 NaCl, pH 7.4) and incu‐
bated at 37°C up to 6 months. They observed that degradation rates correspond to their wa‐
ter-absorbing ability, with faster degradation in the more absorbent polymers while the
weight loss, due to hydrolytic degradation, increased as the amount of PEG content in‐
creased. A possible explanation is that following dissolution of some PEG segments, there
will be an increase in the porosity of the blends, leading to a greater surface area for water to
access the ester bonds of hydrophobic PCL, which dominates the degradation rate. Other
possible explanations include an increase in the hydrophilicity of the surface, which acceler‐
ates degradation, or an increase in the mobility of the PCL molecules, which could also facil‐
itate hydrolytic degradation. Also the rate of hydrolysis was raised with increasing time,
which might result from the augmentation content of hydrophilic hydroxyl, amine, and car‐
boxylic groups generated at the surface during degradation.

Wang et al. (Wang et al., 2008) prepared novel biodegradable and biocompatible poly(ester-
urethane)s by in situ homogeneous solution polymerization of poly(3-caprolactone) diol, di‐
methylolpropionic acid (DMPA), and methylene diphenyl diisocyanate in acetone followed
by solvent exchange with water. The hydrolytic degradation test was conducted on buffer
solution (pH=7.4) at 37˚C up to 12 weeks and showed that the degradation rate was little
affected by the DMPA content in the range investigated, but was observed to be influenced
by the hard segment content.

Hong et al. (Hong et al., 2010) synthesized poly(ester carbonate)urethane ureas (PECUUs)
using a blended soft segment of poly(caprolactone) (PCL) and poly(1,6-hexamethylene car‐
bonate) (PHC), 1,4- butane diisocyanate and putrescine as chain extender. They found that
degradation of PECUUs in aqueous buffer (PBS at 37˚C) and subcutaneous implantation in
rats (Adult female Lewis rats) was slower than poly(ester urethane)urea but faster than
poly(carbonate urethane)urea (PCUU). Over a period of 56 days, poly(ether urethane)ureas
(PEUU) exhibited a 9% mass loss in addition to a reduction in inherent viscosity, while all of
the PECUUs and PCUU did not show detectable loss of mass. In vivo it was observed that
the majority of the PEUU scaffold was degraded, and loose connective tissue occupied the
implant area with few observed putative macrophages. For the PECUU 50/50 scaffolds,
more remnant material was seen with darker violet staining of the putative infiltrating mac‐
rophages and fibroblasts.

Chan-Chan et al. (Chan-Chan, et al. 2012) synthesized new polyester poly(urethane-urea)s
and their molecular weight changes during PBS degradation were monitored by gel perme‐
ation cromatography (GPC) (see Figure 4). Significant weight loss was not observed at six
months but bulk degradation was corroborated by this analytical technique.
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Figure 4. Molecular weight reduction in polyurethanes based on butanediamine (PUBDA), arginine (PUR), glycine
(PUG) and aspartic acid (PUD).

4.4. Enzymatic degradation

Huang et al. (Huang et al., 1979) reported that a low molecular weight poly(ester-urea),
poly(L-phenyl alanine/ethylene glycol/1,6-hexane diisocyanate), and a model diesterdiurea,
dimethyl diphenyl alanine hexamethylene urea, were hydrolyzed by chymotrypsin at pH 8.
They also observed degradation with papain latex (pH 6.5, PBS) of the model diesterdiurea.

Takahara et al. (Takahara et al., 1992) degraded SPU´s based on MDI, BD and various poly‐
ols using papain (80 U/mL) and papain activating solution (0.05 M cysteine, 0.02 EDTA,
pH=6.5 ) in sodium acetate buffer solution. In this study it was found that PEO based poly‐
urethanes exhibited the larger mass loss from all the SPU´s studied in addition to a reduc‐
tion in Young´s modulus and tensile strength due to a reduction in molecular weight.

Labow et al. (Labow et al., 1996) degraded in elastase (from human neutrophils or pancreat‐
ic porcine) a poly(ester-urea-urethane) containing [14C]toluene diisocyanate (TDI), poly(cap‐
rolactone) and ethylenediamine as well as a poly(ether-urea-urethane) containing [14C]TDI,
poly(tetramethylene oxide) and ethylenediamine (ED). They used neutrophils, which con‐
tain elastolytic activity, as they are present during the inflammatory response. Ten-fold
more radioactive carbon was released when porcine pancreatic elastase was incubated with
[14C]TDI/PCL/ED than when human neutrophil elastase was used. Ten-fold less radioactive
carbon was released when [14C]TDI/PTMO/ED was incubated with porcine pancreatic elas‐
tase (PPE) as compared to [14C]TDI/PCL/ED. Radioactive carbon release data for
[14C]TDI/PCL/ED polymer incubated with trypsin, a possible contaminant in pancreatic por‐
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[14C]TDI/PCL/ED polymer incubated with trypsin, a possible contaminant in pancreatic por‐
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cine elastase showed no significant release of radioactive carbon by the same number of
units of trypsin which would be present in the commercial PPE preparation used in the bio‐
degradation experiments.

Skarja and Woodhouse (Skarja et al., 2001) studied degradable segmented polyurethanes
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sin and trypsin solutions for up to 28 days. In this study it was found that the presence of
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tude of degradation and erosion was highly variable and was dependent on soft segment
type (PCL or PEO) and molecular weight (500-2000 g/mol).
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enzymes. This was further extended by Thomas and Jayabalan (Thomas et al., 2001) who re‐
ported that completely aliphatic poly(urethane urea) based on 4,4-methylene bis-cyclohexyl
isocyanate/hydroxy terminated polybutadiene/1,6-hexamethylene diamine did not degrade
in papain after 30 days at 37˚C.

Labow et al. reported that cholesterol esterase cleaved polyetherurethanes at the most prob‐
able site susceptible to hydrolytic cleavage, which is the urethane bonds, resulting in the re‐
lease of free amine (Labow et al., 2002). Santerre’s group has also reported the degradation
of polycarbonate polyurethanes with cholesterol esterase (Tang et al., 2002). Both the carbo‐
nate and urethane bonds were cleaved, resulting in many products ranging in molecular
weight from 150 to 850 g/mol, as identified by GC–MS.

Yamamoto et al. (Yamamoto et al., 2007) degraded with different thiol proteases (papain,
bromelain, and ficin) and Protease K and chymotrypsin, lysine diisocyanate (LDI) based
poly(urethanes) and segmented poly(urethane ureas). For this, 1 mg of enzyme was added
into the test tube coated with the polymer at 37˚C and the total organic carbon (TOC) meas‐
ured. From 1H NMR results, it was evident that the pendant methyl ester group in LDI was
rapidly hydrolyzed, followed by slow hydrolysis of urethane bonds in the backbone chain
while the susceptibility of urea bonds to papain was very low. Before 50 h almost 30% of the
PU has been degraded, with ethylene glycol exhibiting the highest rate of degradation; thiol
proteases were most effective for all SPUUs. LDI/PTMO (Mw=2000 g/mol)/1,3-propylendia‐
mine (PDA) (2/1/1), which does not contain degradable soft segments (caprolactone block),
showed degradation by various proteases. This fact strongly suggests that the cleavage of
the hard segment (urethane and/or urea) by these proteases occurred. For the SPUU the ex‐
pected water-soluble degradation products are diamine, α-hydroxy caproic acid, and its low
molecular oligomers, in addition to lysine derivatives.

Hafeman et al. (Hafeman et al., 2011) investigate the effects of esterolytic and oxidative con‐
ditions on scaffold degradation by incubating in 1 U/mL cholesterol esterase (CE), 1 U/mL
carboxyl esterase (CXE), and 10 U/mL lipase (L) hydrogen peroxide (20 wt% hydrogen per‐
oxide (H2O2) in 0.1 M cobalt chloride (CoCl2), and buffer alone (0.5 M monobasic sodium
phosphate buffer with 0.2% w/w sodium azide) and measured the mass loss for 10 weeks at
37˚C. Polyurethane scaffolds were prepared by one-shot reactive liquid molding of hexam‐
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ethylene diisocyanate trimer (HDIt) or lysine triisocyanate (LTI) and a polyol as hardener.
Trifunctional polyester polyols of 900-Da molecular weight were prepared from a glycerol
starter and 60% ε-caprolactone, 30% glycolide, and 10% D,L-lactide monomers (6C), (t1/2 = 20
days) and 70% caprolactone, 20% glycolide, and 10% lactide (7C) (t1/2 = 225 days) and stan‐
nous octoate catalyst. Incubation with esterases slightly accelerated degradation relative to
PBS. Differences in degradation between the three candidate enzymes at any given time
point were not significant. In contrast, incubation with medium that created an oxidative
microenvironment had a more significant effect on the polyurethane degradation rate, espe‐
cially for the LTI-based materials, except the 6C/HDIt (hexamethylene diisocyanate trimer) +
PEG, which interestingly degraded faster in the presence of cholesterol and carboxyl ester‐
ase than in oxidative medium.

A new family of water borne polyurethanes (WBPU) were synthesized by Jiang et al. (Jiang
et al., 2007) using isophorone diisocyanate (IPDI), polycaprolactone (PCL), polyethylene gly‐
col (PEG) and BD:Lysine (1:1) as the chain extender. The polyurethane was then enzymati‐
cally degraded in PBS (pH = 7.4) with a solution mixture including PBS 60.0 ml, 0.1% MgC12

15.0 ml and Lipase AK (10 mg/ml) 15.0 ml and then incubated with shaking for certain time
at 55˚C, which was the optimum temperature for enzyme activities of Lipase AK. An in‐
creased degradation was observed as decreasing of the amount of PEG in soft segments of
WBPU, as judged from the change of tensile properties with time, owing to Lipase AK only
interacting with PCL soft segments in these polymers structures. This result reveals that the
degradation rate is proportional to the PCL content, and inverse proportion to the PEG con‐
tent in the WBPUs. Depending on the PCL content, degradation started even at 6 h in the
presence of Lipase AK.

A polyurethane was synthesized with LDI, PCL, and BD in the presence of dilaurate as cata‐
lyst by Han et al. (Han et al., 2009) and then degraded in PBS with a solution mixture includ‐
ing 4.0 mL PBS, 1.0 mL 0.1 wt.% MgCl2 and 1.0 mL Lipase AK (10 mg/mL) in water at 50˚C.
It was found that loss mass decreased with increasing the PCL soft segment content in hy‐
drolytic degradation in PBS. Because PCL is hydrophobic in comparison with the polar hard
segment, increasing its content would decrease water uptake of PU films, and then decrease
mass loss. In contrast, in the presence of Lipase AK the mass loss was observed to be in‐
creased with increasing the PCL soft segment content.

Biodegradable  polyurethanes  were  prepared  by  Wang  et  al.,  using  PLA-PEG-PLA  as
soft segment,  and L-lysine ethyl ester diisocyanate (LDI) and 1,4-butanediol (BD) as rig‐
id  segment  (Wang  et  al.,  2011b).  These  polymers  were  degraded  in  PBS  (0.1  M  PBS
with  0.9%  NaCl  and  0.02%  NaN3,  pH  7.4,  6  and  5)  and  enzymatic  (0.1mg/ml  lipase
from  porcine  pancreas  in  0.1  M  PBS  with  0.9%  NaCl  and  0.02%  NaN3,  pH  7.4)  solu‐
tions at  37 °C to simulate in  vivo  dynamic tissue environment.  PU samples demonstrat‐
ed  rapid  degradation  in  96  h  (more  than  90%)  which  might  be  attributed  to
hydrophilicity of  PEG segments,  low number-average molecular weight and microphase
separation  degree  of  these  polyurethanes  and  enzyme  functions.  The  enzymatic  degra‐
dation rate was higher than hydrolytic degradation rate, verifying that Lipase from por‐
cine pancreas can accelerate hydrolysis on these polyurethanes.
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A series of pH-sensitive biodegradable polyurethanes (pHPUs) were designed and synthe‐
sized using pH-sensitive macrodiol (poly(ε-caprolactone)-hydrazone-poly-(ethylene glycol)-
hydrazone-poly(ε-caprolactone) diol (PCL-Hyd-PEG-Hyd-PCL)), L-lysine ethyl ester
diisocyanate (LDI) and L-lysine derivative tripeptide as chain extender by Zhou et al. (Zhou
et al., 2011). The polyurethanes could be cleaved in acidic media (pH ∼ 4-6) as well as de‐
graded in PBS (100 mM, and pH 7.4) overnight at room temperature and enzymatic solution
(Lipase AK (10 mg/mL, 2 mL) in PBS buffer solution with 0.1 wt % MgCl2 (2 mL) and then
incubated with cyclic shaking at 52.5˚C). It was found that the hydrolysis rates of the two
samples observed in Lipase AK PBS are higher than that in PBS i.e. 31.1% and 35.9% of
weight loss are detected after hydrolytic and enzymatic degradation for 144 h of pHPU4
(pHPU prepared with LDI/macrodiol/tripeptide 3.15/2/1), respectively. The results indicate
that the pHPUs are also facile to degrade in enzymatic solution, which is in agreement with
reported literatures that Lipase AK is able to accelerate the PCL-based polymers biodegra‐
dation. Polymers with more pH sensitive macrodiol and lower crystallinity degraded even
faster. The importance of studying these materials (pH-sensitive biodegradable polyur‐
ethanes) lies in the fact that they been used for intracellular multifunctional antitumor drug
delivery (Zhou et al. 2012).

Elliott et al. (Elliott et al., 2002) determined mechanism of enzymatic degradation by
HPLC/MS. Prior to product separation and identification, residual enzyme (chymotrypsin)
was removed from the incubation solution samples. This process was necessary since the
chymotrypsin could interfere with the accurate detection of the degradation products in the
high performance liquid chromatography (HPLC) columns, and because proteins have a
tendency to aggregate and then later precipitate during the gradient run, thereby causing
additional difficulties in data acquisition. The results of the tandem mass spectrometry
(MS/MS) analysis indicated that chymotrypsin may act to cleave urea bonds adjacent to L-
phenylalanine residues. This is a significant finding since it confirms that the polyurethanes
are susceptible to selective enzymatic degradation in the hard segment. Traditionally, this
domain of the polyurethane has been considered a relatively stable group. The materials
used in this study, however, were especially developed to encourage degradation of the
hard segment rather than relying solely on degradation of the soft segment. Hence, the re‐
sults of this study confirm that this goal was achieved. The cleavage of urea bonds by chy‐
motrypsin is an important finding as it contradicts results of a previous study with similar
chemistry that found that urea bonds adjacent to L-phenylalanine residues were not
cleaved. However, since the level of chymotrypsin activity was not stated in the other study,
it may be possible that the right conditions were not presented in order to degrade the urea
bond (Elliott et al., 2002).

4.5. Lipid degradation

Lipid absorption has been reported to occur in many medical devices such as heart valves
made of silicon, leading to their calcification. In addition, fatigue properties of SPU have
been reduced by lipid absorption.
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Takahara et al. (Takahara et al., 1992) degraded SPU´s based on MDI, BD and various poly‐
ols using 0.25 % phophatidyl choline and 0.1% M cholesterol liposome solution during 28
days at 37°C. They found that SPU based on PDMS disintegrated under these conditions
while PTMO based SPUs exhibited a severe reduction in tensile strength and elongation.
These results were not related to the presence of a specific chemical group in the soft seg‐
ment as PEO based SPU´s were not affected.

4.6. Compost biodegradation

Synthetic poly(ester urethanes) are known to be degraded by microbes mainly due to the
presence of ester linkages, being more susceptible those containing long chains rather than
short polyester chains. Lactic acid based polyester urethanes have been degraded with com‐
post inoculum (thermophilic-stage household waste compost was added to 100 ml of ASTM
solution and the CO2 evolved was followed by Hiltunen et al. (Hiltunen et al., 1997). The
data showed that poly(ester-urethanes) did not biodegrade at 25˚C but when the tempera‐
ture was raised, biodegradation was accelerated. At 37°C the stereo structure of polymer
chains had a strong effect on biodegradation. This temperature was below the glass transi‐
tion temperature of poly(ester-urethanes) but about the same as the glass transition temper‐
ature of prepolymer chains. The lower the glass transition temperature of prepolymer, the
faster the biodegradation. Urethane bonds probably break first, and after that the properties
of lactic acid prepolymer chains determine the biodegradation behavior. All poly(ester-ure‐
thane) samples biodegraded well at 55°C, and the percentage of biodegradation varied be‐
tween 45 and 77% in 55 days. At 60°C the poly(ester-urethanes) biodegraded well and they
reached even higher levels of biodegradation than Biopac™ and lactic acid. The biodegrada‐
tion varied from 45 to 77% in 55 days.

Polyurethanes based on MDI and PCL with different molecular weights were prepared by
Watanabe et al. (Watanabe et al., 2009) and degraded by soil burial test at 28˚C. It was found
that biodegradation rate of the polyurethanes increased as the number of average molecular
weight (Mn) of poly(caprolactone) diol used increased from 500 to 1000 (urethane content
11.9 to 7.6 wt % respectively), whereas it decreased as the Mn of poly(caprolactone) diol in‐
creased from 1200 to 2000 (4.2 wt % of urethane content). Furthermore, when 2000 PCL triol
was used led to a high degradation ratio.

4.7. Thermal degradation of polyurethanes

Although  the  thermal  degradation  of  both  polyurethanes  (PU)  and  segmented  polyur‐
ethanes  (SPU)  has  been  extensively  investigated  due  to  their  wide  range  of  applica‐
tions,  studies  on  thermal  decomposition  of  polyurethanes  used  specifically  in
biomedical  field  such  as  catheters,  heart  valves,  vascular  prostheses,  etc.,  are  less  com‐
mon as generally these materials  are not subjected to high temperatures during their  in
vivo  performance [Cervantes-Uc et al.  2009].  In some cases,  these studies are used to in‐
vestigate  the  composition and stability  of  the  remaining material  after  the  chemical  hy‐
drolysis  and oxidation of  SPU [Chan-Chan et  al.  2010]  as  well  as  to  determine the soft
and hard segment ratio of  polyurethanes.
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The thermal degradation of polyurethanes allows determination of the proper conditions for
manipulating and processing them and for obtaining high-performance products that are
stable and free of undesirable by-products; if not processed properly, commonly by extru‐
sion or by injection moulding, the PU’s would generate toxic products to the human body,
which is very critical in biomedical applications [Gomes Lage et al. 2001].

It is well known that polyurethanes are not thermal stable polymers and that the onset deg‐
radation temperature of the urethane bond depends on the type of isocyanate and alcohol
used. It is a general rule that the more easily formed polyurethanes are less stable, i.e. more
easily dissociated when compared with more difficulty formed ones [Petrovic et al. 1994].
Petrovic reported that the degradation temperature for these materials ranged from 120°C to
250°C depending on their structure [Petrovic et al. 1994]; however, literature reports proc‐
essing temperatures closer to 180°C [Guignot 2002].

Polyurethanes are thermally degraded through three basic mechanisms. First, by urethane
bond dissociation into its starting components (isocyanate and alcohol); secondly, by break‐
ing the urethane bond with formation of primary amines, carbon dioxide and olefins; and
finally, splitting the urethane bond into secondary amine and carbon dioxide [Petrovic et al.
1994; Cervantes-Uc et al. 2009].

5. Degradation mechanism

The nature of PU chemistry is central to understand why some PUs undergo faster degrada‐
tion than others (Santerre et al., 2005). However, the degradation mechanism of polyur‐
ethanes depends on not only the PU chemistry structure but also the degradation
environment, i.e. in the presence of water, acidic, alkaline or oxidative conditions, or in the
presence of enzymes. Generally, the characterization of the by-products during the degrada‐
tion of the polyurethane is the key to understand the mechanisms of degradation. Identifica‐
tion of degradation products is an important issue but of equal interest is the eventual
toxicity of the degradation products. If the biomaterial degrades, either spontaneously or
due to biological activity, components can leach into surrounding tissues and cause an in‐
flammatory response if not easily metabolized by natural pathways. Therefore, it is compul‐
sory to identify the major species produced at different stages of degradation and the
kinetics of their formation (Azevedo et al., 2005).

Accelerated degradation has been used to determinate stability of non degradable polyur‐
ethanes (Gunatillake, 1992) but it can be used to provide valuable information about degra‐
dation mechanism of resorbable polyurethanes. In this context, both soluble products and
solid residues can be studied with different analytical techniques and tests to determine
their composition.

The main techniques used to evaluate the degradation of biomaterials can be divided into
surface analysis (infrared spectroscopy, X-ray photoelectron spectroscopy, contact angle
measurements), which are more appropriated to monitor the changes occurring in the first
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stages of degradation, and bulk analysis (determination of changes in molecular weight,
weight loss, temperature transitions, mechanical properties) for characterizing the later
stage of degradation (Azevedo et al., 2005).

In general, polyesterurethanes are susceptible to hydrolytic degradation because of ester
groups in the soft segments while polyetherurethanes are susceptible to oxidative degrada‐
tion. Furthermore, it has been observed that ester linkages hydrolyze about a magnitude
faster than urethane linkages, and it has been shown that urea linkages hydrolyze faster
than urethane, although at slightly acidic conditions. Figure 5 shows the possible mecha‐
nism of hydrolytic degradation of various functional groups present in polyurethanes.

Figure 5. Hydrolytic degradation mechanism of polyesters (A), poly(urethane) (B) and poly(ureas) (C).

In spite of this, the degradation rate of the poly(ester urethane) based on PCL was found to
be slow (i.e., 15% weight loss in 11 weeks (Wang et al., 2008). Furthermore, IR spectra for the
degradation products of the LDI/PCL and LDI (lysine methyl ester diisocyanate)/P6C3G1L
(triol synthesized from a glycerol starter and a mixture of monomers comprising 60% capro‐
lactone, 30% glycolide, and 10% DL-lactide) materials after 2 and 8 months in PBS (Guelcher
et al., 2008) shows an absorption band at approximately 1070-1050 cm-1, which is assigned to
C-O stretching vibrations in alcohols and carboxylic acids. This observation implies that the
polyurethanes degrade by hydrolysis of ester linkages to yield α-hydroxy acids and is fur‐
ther supported by the appearance of the strong peaks at 1675-1650 cm-1, which correspond
to the COO asymmetric stretching vibration associated with carboxylic acid salts. Therefore,
it is possible under these conditions that phosphate salts of carboxylic acids will form in the
PBS solution due to the reaction of carboxylic acids with the basic phosphate salts present in
PBS. Hydrolysis of LDI/PCL containing poyurethanes networks in sodium hydroxide solu‐
tions has been reported to yield L-lysine as a degradation product; however, the presence of
L-lysine in the degradation products under physiological conditions was not confirmed.
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Other studies reported the presence of lysine in the degradation products from lysine-de‐
rived polyurethanes networks.

Segmented polyurethane based on poly(ε-caprolactone), ethyl lysine diisocyanate or hexam‐
ethylene diisocyanate in combination with ethylene glycol or ester from ethylene glycol and
lactic acid (2-hydroxyethyl 2-hydroxypropanoate) with greater hard segment content (HS)
liberate higher amine concentrations during their degradation (Tatai et al., 2007). Amine
concentration was determined using a spectrophotometer by acquiring the A570 (absorbance
at 570 nm) of the test sample and by quantifying the detected concentration with use of the
standard curve. This being expected, on the assumptions that PUs with higher HS contained
more urethane bonds. To detect amine groups using this technique, a degradation product
must undergo hydrolysis at its respective urethane linkage. Since this process is somewhat
slower than that of ester bond hydrolysis, it seems that part of the degradation product may
still contain urethane segments.

Hafeman et al. (Hafeman et al., 2011) investigate the effects of esterolytic and oxidative con‐
ditions on scaffold degradation by incubating in 1 U/mL cholesterol esterase (CE), 1 U/mL
carboxyl esterase (CXE), and 10 U/mL lipase (L) hydrogen peroxide (20 wt% hydrogen per‐
oxide (H2O2) in 0.1 M cobalt chloride (CoCl2), and buffer alone (0.5 M monobasic sodium
phosphate buffer with 0.2% w/w sodium azide) and analysed the degradation products by
HPCL. Hydrolysis of ester bonds was anticipated to yield α-hydroxy acids (e.g., hydroxy‐
caproic, lactic, and glycolic acids), which was confirmed by HPLC. The lysine triisocyanate
(LTI) scaffolds produced more α-hydroxy acids than trimer of hexamethylene diisocyanate
(HDIt) scaffolds. The 7C/LTI (triol synthesized from a glycerol starter and a mixture of mon‐
omers comprising 70% caprolactone, 30% glycolide and 10% lactide) formulation, which de‐
graded more slowly due to the longer polyester half-life, yielded lower concentrations of α-
hydroxy acids than the 6C/LTI (60% caprolactone, 30% glycolide and 10% lactide)
formulation. Inclusion of polyethylene glycol (PEG) in the 6C/HDIt scaffold reduced the
amount of α-hydroxy acids in the degradation medium due to the replacement of 50% of the
polyester with PEG. Several unidentified peaks appeared in the HPLC spectra, which are
conjectured to be adducts of α-hydroxy acids and either lysine or ethanolamine connected
by urethane or urea bonds. Oxidation of urethane and urea bonds was predicted to yield ly‐
sine and ethanolamine from LTI scaffolds, and cyanuric acid from HDIt scaffolds. Both ly‐
sine and ethanolamine were detected in the degradation products from LTI scaffolds when
incubated in PBS; however, cyanuric acid was not detected in the degradation products
from HDIt scaffolds. The amount of lysine recovered from 6C/LTI scaffolds was significant‐
ly greater than that from 7C/LTI scaffolds after 14 weeks, which is consistent with the faster
in vitro degradation of the 6C/LTI materials. At 36 weeks, 18% of the lysine incorporated in
the 6C/LTI scaffolds was recovered, while 100% of the original mass had degraded to solu‐
ble degradation products. This suggests that the majority of the lysine was incorporated in
soluble urethane and urea adducts with α-hydroxy adducts. The recovery of ethanolamine
arises from the hydrolysis of the ester group in LTI and a urethane bond. Ethanolamine was
not detected (<0.001 μg/mg polyurethane) until 14 weeks, and at later time points the etha‐
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nolamine concentration increased with time. The recovery of ethanolamine upon complete
dissolution of the 6C/LTI scaffold at 36 weeks was 9%.

Suntherland et al. (Sutherland et al., 1993) degraded Pellethane 2363 80A with either HClO
or ONOO. An oxidative reaction involving the ether or ester moieties of PEU would be re‐
flected by a decrement in the urethane-aliphatic ester and/or aliphatic ether stretching peaks
on ATR/FTIR analysis. Indeed, a substantial decrement in the aliphatic ether stretching at
1105-1110 cm-1 relative to the urethane-aliphatic ester peak at 1075 cm-1 has been observed in
implanted material. In fact, the intensity of both aliphatic ether and urethane-aliphatic ester
peaks decreases after long-term implantation, suggesting that both groups are oxidized in
vivo. PEU previously exposed to HClO exhibited a decrement in the signal from the ure‐
thane-aliphatic ester.

FTIR has been used to determine the composition of residues after degradation. In this
sense, hydrolytic degradation of polyester urethanes affects carbonyl bands at 1730 cm-1.
Soluble products of the ester scission are carboxyl acids and alcohols that can be observed
between 2500 and 3500 cm-1. Pérez et al. (Pérez et al., 2006) studies showed that urea bonds
derived from amino acids can be hydrolyzed in basic conditions but after more prolonged
period than ester groups, this degradation was monitored by capillary electrophoresis-ion
trap-mass.

Oxidative degradation has been generally associated with poly(ether-urethane)s, since many
studies have determined that these polymers degrade by mean alpha-hydrogen abstraction
adjacent to oxygen in polyethers and polycarbonates (Christenson et al., 2004; Xie et al.,
2009). In contrast, few works related to oxidative degradations on polyester polyurethanes
has been done, and even less has studied the mechanism of degradation of polyurethane
ureas. However recent studies about oxidative degradations of PCL and polyester poly(ure‐
thane urea)s PCL based have showed ester, urethane and urea groups are susceptible to oxi‐
dative degradation (Sabino, 2007; Sarkar et al., 2007; Hafeman et al., 2011). This mechanism
is illustrated in Figure 6.

Figure 6. Mechanism of oxidative degradation by H2O2 in poly(ether urethanes) (A), poly(carbonate urethanes) (B)
and aromatic polyurethanes (C).

Oxidative degradation using HClO is less commonly pursued but it may be clinically more
relevant as hipochlorous anions can be produced by neutrophils. These conditions can be si‐
mulated in vitro and the suggested mechanisms of the polyurethane degradation can be de‐
picted in Figure 7.
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Figure 7. Mechanism of oxidative degradation in polyurethanes by means of HClO

Degradation of polyurethanes with H2O2 (30% v/v) does not seem to affect ester bonds but
affect urea bonds as observed by FTIR. The wide band of 3650-3400 cm-1 and a small peak in
930 cm-1 corresponding to carboxylic acid confirm scission of urea groups as shown in Fig‐
ure 8. Other bands such as those at 1298 cm-1 show some crosslinking by C-N bonds and an
increase in PCL crystallinity, as the 1143 y 1189 cm-1 bands, corresponding to amorphous
and crystalline PCL, changed (Chan-Chan, 2012).

Figure 8. FTIR spectra of poly(urethane ureas) degraded in various media.
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6. Conclusions

Polyurethanes are very versatile polymers that found application in the biomedical field, es‐
pecially in cardiovascular applications. In spite of their good physicochemical and mechani‐
cal properties and acceptable biocompatibility they are prone to degradation under different
conditions. These conditions range from hydrolysis, oxidation, metal induced oxidation, en‐
vironmental stress cracking, enzyme-assisted degradation, etc. which can be found in vivo
during the useful life of the device. In order to simulate these, in vitro approaches has been
followed. Thanks to this information today it is well accepted that polyurethanes are no lon‐
ger inert materials placed within the body. However, this disadvantage can be used to mod‐
ulate their degradation to a rate that can be controlled mainly by their composition, and be
used in the design of tissue engineering scaffolds.
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Substrates with Changing Properties for
Extracellular Matrix Mimicry

Frank Xue Jiang

Additional information is available at the end of the chapter
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1. Introduction

Cell-ECM interactions Fundamental to the success of using biomaterials in medical and
health care applications, is the understanding of their interactions with biological tissues
and systems. First step towards this end is the elucidation of cell-ECM interactions, which
has attracted considerable interest in recent decade. Cellular decision-making process is
driven by the internal genetic program and external factors comprising primarily other cells
and extracellular matrix (ECM) via soluble factors and direct physical connections such as
focal adhesion [1, 2]. Three key features of ECM have been identified of great significance in
affecting cells, namely, chemical and biological composition, dimensionality (two- vs. three-
dimensional), and physical properties [3-6]. These features can be sensed by cells via cell-
ECM linkages, and the resulting signals subsequently follow intracellular pathways and
trigger a cascade of events leading to alterations in gene expression and manifestation in
phenotype. In contrast to the long recognized chemical composition and adhesive character‐
istics of the ECM, physical cues including topography, pore size, geometric patterns, and
mechanical stiffness and their significance has just started being appreciated [7-10]. Whilst
characteristics of ECM have profound effect on cells, cells may also actively exert impact on
ECM by secretion of soluble factors or modify properties of ECM, or contribute to maintain‐
ing integrity or properties of ECM. At a larger scale, biological systems may actively interact
with biomaterials to maintain or re-establish homeostasis.

Dynamic aspect of ECM To date, the majority of the substrates employed in cellular studies
and other biological investigations have been of fixed mechanical stiffness and/or adhesive
properties throughout cell culture. There is an increasing realization that a cell’s microenvir‐
onment is dynamic and changing with time [11-13]. It is the case in both pathologic and nor‐
mal tissues, at the tissue-implant interfaces, and during development and aging [14],
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especially for load-bearing and mechanically active tissues (e.g., heart, cartilage, lung) [15].
Not only do these changes naturally occur, but there are also benefits associated with them
from a tissue engineering viewpoint, as highlighted in the series of discussions in the March
2005 issue of MRS (Materials Research Society) Bulletin [16, 17] and later studies. Whitesides
[18] and Mrksich [19] and their coworkers among a number of investigators pioneered the
work on engineering cell growth by using dynamic substrates. Their work and later reports
on differential cell responses to materials with different properties suggest that it is benefi‐
cial for biomaterials to have controlled changing properties [20]. These facts make it very de‐
sirable for the bio-mimetic materials to have the capability of undergoing controlled
remodeling with respect to time. They also raised caution in interpretation of the observa‐
tions made from the majority of the biological studies, where properties of the substrates
(e.g., culture flask, Petri dish, and hydrogels) remain unchanged throughout the process.

The scope of this work A significant number of reviews are available on the changes in
soluble factors of ECM that may affect cellular behavior (e.g., [21]) and particularly on the
changing environment in bioreactors [22] (e.g., nutrients concentration, oxygen level, tem‐
perature). Thus, they are not covered in this review. Moreover, flow conditions and the re‐
sulting traction forces, and their effect on certain cell types including blood cells (i.e.,
endothelial cells and red blood cells) have also been intensively reviewed and hence are not
discussed here. This is also the case for mechanical forces, strain and stress applied directly
to the cells (e.g., [23, 24]) in load-bearing tissues such as bone, cartilage and lung (for refer‐
ence, see, e.g., [25-27] ).

Therefore, this review is focused on the latest studies and current knowledge of two- or
three- dimensional substrates with changing or dynamic mechanical and adhesive proper‐
ties, design and conditions to trigger and achieve designed dynamics, and the impact of in-
situ change of these properties on cell behavior, which provides guideline for design of
biomaterials for their applications in medical and healthcare applications. Note that me‐
chanical stiffness and elastic modulus were used interchangeably in this work.

2. Dynamic nature of the cell microenvironment

Normal tissues The micro-environment within which cells reside in natural tissues under‐
goes constant synthesis and degradation [16, 17], and has long been recognized as dynamic
and changing [25, 28]. Although the composition of tissues generally remain tightly control‐
led in maturation, ECM remodeling constantly takes place [25, 29, 30], particularly when un‐
der hormonal stimulation or stress responses (e.g., [31]). Cells actively participate in tissue
remodeling by secreting and mobilizing ECM molecules [32]. Alterations in ECM composi‐
tion may result in changes in cell adhesion and /or tissue stiffness [33, 34] which further
stimulates cellular responses. For instance, laminin component involved in cell adhesion to
ECM is variant due to dynamics in exogenous factors [35]; normal cartilage shows elevated
stiffness [36]; and vocal fold tissue exhibits dynamic viscoelastic properties [37]. Some speci‐
alized cell types can experience fast adhesion and detachment from ECM [38]. Changing
ECM can also modify cell-cell interactions, further affecting cell behavior [39].
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Pathological tissues Diseased tissue may possess properties such as mechanical stiffness
different from those of the normal tissue [40, 41]. As a typical example, it has been found
that tumor cells display enhanced movement towards ECM with lower mechanical rigidity,
which is interesting considering the general stiffening phenomenon of tumor tissues [42],
and biomechanical characteristics of tissues play a crucial role in tumor development [41]. It
has also been shown that during the surgical procedures such as radio-frequency (RF) abla‐
tion, tissue properties can be modified [43]. Moreover, changes in ECM composition and rel‐
ative quantity of ECM molecules can be correlated to pathology. For instance, ECM
composition change that occurs during sub-epithelial tissue remodeling proved associated
with asthma [33]. ECM remodeling in diseased heart valves is correlated to myofibroblast
contractility [44], and certain cell types such as valvular interstitial cells can be activated and
contribute to further tissue remodeling [45]. Additionally, ECM remodeling affects tissue
mechanical properties in addition to inflammatory responses [46]. Moreover, mechanical
forces, as experienced in traumatic brain injury or even under normal conditions, could po‐
tentially cause protein aggregation, giving rise to various diseases including neurodegenera‐
tive diseases [47]. Furthermore, early investigation of properties of central nervous (CNS)
tissue under impact yielded modulus values with considerable variation. As an example,
Fallenstein and coworker reported storage modulus of human brain tissue of 0.6 ~ 1.1 kPa
under sinusoidal shear stress input mimicking head impact [48].

Development and aging During development, synthesis and degradation of ECM is a con‐
trolled process (e.g., [8, 49]), and mis-regulation contributes to many forms of diseases [30]
Particularly, the microenvironment for embryonic and adult stem cells is regulated both
temporally and spatially [2, 34], and is involved in various developmental processes includ‐
ing responses to soluble factors, cell differentiation, and morphogenesis [12]. ECM in mus‐
culoskeletal and other tissues adapts to increasing mechanical requirements by altering the
size of tissue components [50] during development. Structural dynamics of ECM compo‐
nents such as collagen, laminin, and fibronectin coincides with estrous cycle and develop‐
mental progression [51]. Besides development, aging is also accompanied by changing ECM
composition and structures. For example, in connective tissues, aging has been reported to
be associated with increase in type I collagen content and decrease in both type III collagen
and proteoglycans content, and with collagen fiber disruption and unraveling [50].

Tissue-implant interfaces With the growing interest in developing biomimetic materials for
tissue engineering applications, tissue-implant interfaces have been subject to considerable
research effort. Previous reports showed that cells can actively modify ECM at the interfa‐
ces, and cause drastic changes in tissue or construct mechanics using fibroblast-populated
construct and other biomaterials [52, 53]. The study by Lee and co-workers suggested that
dynamic moduli of an alginate material may be due to the bioactivities of the chondrocytes
encapsulated in the scaffold [54]. In a similar study, different substrate composition and ar‐
chitecture gave rise to distinct levels of modulus increase owing to chondrocytes responses
[55]. To take another example, smooth muscle cells (SMCs) in contact with engineered arteri‐
al construct displayed distinctive responses in protein synthesis and consequently the me‐
chanical properties of ECM were significantly different [56]. Additionally, biodegradable
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materials used in various tissue engineering applications possess changing properties asso‐
ciated with specific degradation profiles.

Engineering advantages It has been suggested that temporal control over substrate or scaf‐
fold properties may entail great benefits in engineering cell growth. Among the notable ex‐
amples is the stem cell differentiation and proliferation. A recent work showed enhanced
hepatic functions from differentiated stem cells on softer substrates and improved expan‐
sion of undifferentiated cells on stiffer ones [57]. Therefore, it is promising to use stiffer sub‐
strates for optimal proliferations and subsequently soften them to gain better hepatic
functions once differentiation completes. Langrana group also found that different neurite
properties (e.g., axonal length and primary dendrite number) show differential preference
towards substrate stiffness [58], suggesting the strategy of promoting nerve regeneration
with scaffold of varying properties. Similar approach can be adopted to take advantage of
differential cell responses (e.g., migration and functions) to adhesive properties.

The recurring indication from the above discussions is that in vivo ECM interacts with cells
in many ways, and that the alteration in ECM composition or structures leads to changes in
adhesive properties (hence cell adhesion) and/or mechanical properties. This potentially af‐
fects a variety of cell types and their properties and functioning, at different developmental
stages, under normal or pathological conditions, or upon impact or injury. It also holds
promises in offering novel approaches to tissue engineering applications. As a result, it is
imperative to understand cellular responses to changing substrate properties for basic biology
and biomimetic material (including biodegradable materials) design.

3. Types of dynamic substrates and stimuli

Here we consider two major classes of dynamic substrates that are based on self-assembled
monolayer, or SAM, and hydrogels, as well as other types of substrates with surface or
structural modifications. Since the focus of this work is on mimicking dynamic nature of
ECM to examine cellular responses, those dynamic materials that are developed for other
specific applications such as drug delivery [59] and do not involve changes that mimic dy‐
namic ECM are beyond the scope of the review.

3.1. Self-assembled monolayer (SAM)

SAMs are formed by adsorption of molecules in solution or gas phase onto substrates in a
spontaneous and organized fashion [60], and have emerged as an important candidate of
materials  in  studying cellular  responses  to  dynamic  substrates  [60,  61]  where  modifica‐
tions could be made in situ. One of the major research focuses in this direction is to exam‐
ine  the  effect  of  dynamic  adhesive  property  of  the  substrate  on  cells,  particularly  by
leveraging the ability to selectively capture or release cells upon application of a variety of
stimuli (Table 1).
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Cell model Observations and notes Ref.
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Electro-active

quinine monolayer

on Au

Adhesion on/off

Stimulus: electric potential

3T3

fibroblasts

Selective release of adherent cells [68]

Azobenzene

containing SAM on

Au

Adhesion on/off

Stimulus: UV/visible light

3T3

fibroblasts

Attachment and release of adherent cells

Potential to control part of a single cell or groups of

cells

[69]

Po
ly

m
er

ic
 H

yd
ro

ge
l

MMP responsive

polymer hydrogel

network

Degradation of hydrogel

Stimulus: cell secreted

MMP

Human

foreskin

fibroblasts

(HFFs)

Cell infiltration into the gel network with time [74]

Thermo-responsive

polymer with

photosensitive

surface

Adhesion on/off

Stimulus: UV radiation and

temperature

CHO-K1

cells

Reversible control over cell adhesion

Ability to control a population of cells

[72]

poly(NIPAM-co-

sodium acrylate)

hydrogel films on

rigid substrates.

Topographic change

(swelling/de-swelling of

gels)

Stimulus: temperature

Porcine

epithelial

cells

Dynamic patterned substrates

Reversible encapsulation of adherent cells

[73]

DNA crosslinked

PAM gels

Crosslinking density↑è

Mechanical stiffness ↑,

vice versa

Stimulus: ssDNA

L929 & GFP

fibroblasts

On dynamic substrate, L929 cells spread more than

those on static stiff substrates (~23 kPa), while GFP

fibroblasts respond differently to stiffening and

softening of substrates

Cell spreading and polarity (aspect ratio) respond

differently to stiffness dynamics

The range, starting point, and end point of change

matter

[81,

83]

DNA crosslinked

PAM gels

Crosslinking

density↓èstiffness ↓

Stimulus: ssDNA

Primary

spinal cord

cells

Neurite outgrowth respond to dynamic stiffness

The trend in the response match that to the static

stiffness except for primary dendrite length

[20]

HA hydrogel Crosslinking density

change and ECM

deposition è

Mechanical stiffness

change

Stimulus: hydrolysis or

enzyme

human

mesenchym

al stem cells

(hMSCs)

Mechanical properties can be engineered with

degradation

Stiffness ↑ when degradation equals ECM deposition,

and Stiffness ↓ at rapid degradtion

Cellular responses to dynamic stiffness are different

from static gels with the same initial or ending

conditions

[78]
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Type Substrates Properties changed

and stimuli

Cell model Observations and notes Ref.

Methacrylated HA

hydrogel

UV exposure è stiffness ↑

Stimulus: UV radiation and

addition of reactive groups

for

hMSCs Fate of hMSCs differentiate depends on the dynamics of

stiffness change of substrates

Adipogenic differentiation favored when cells is on the

softer substrate long (stiffening at later times)

Osteogenic differentiation when cells are on the stiffer

substrate (stiffening at early times).

[79]

Hydrogel based on

PAM crosslinked by

photosensitive

reagent

Mechanical Stiffness

(global or local)↓

Stimulus: UV radiation

3T3

fibroblasts

Stiffness decrease of 20-30% upon propose UV

radiation

Global stiffness decrease results in less spreading

Localized softening to anterior and posterior area gives

to differential responses

[76]

PEG based

hydrogel with

photosensitive

crosslinker

Mechanical Stiffness↓

Adhesive property change

Stimulus: UV radiation

hMSCs and

Valvular

inter-stitial

cells (VICs)

Valvular cell differentiation into myo-fibroblasts is

inhibited by softening

Good viability of hMSCs

[77]

O
th

er
 ty

pe
s 

of
 s

ub
st

ra
te

s

Piezo-controlled

substrate and AFM

cantilever

Mechanical stiffness with

cycling changes

Stimulus: stiffness clamp

on AFM

NIH 3T3 Apparent stiffness↑ leads to cells contraction rate↑ and

contraction velocity↓

Changes took place instantaneously, and so did

responses

Responses were reversible, and consistent for same cell.

[84]

Photo-active glass

substrate with

modifications

Adhesion on/off

Stimulus: UV radiation &

pro- adhesive molecules

HEK293,

COS, NIH

3T3

Spatio-temporal control over cell adhesion

Single cell control

[62]

Substrates with

photo-responsive

caged peptides

Adhesion on/off

Stimulus: UV

3T3

fibroblasts

Modifications of non-adhesive surfaces to adhesive

ones

[63]

PEG-modified ITO

microelectrodes on

glass substrates

Adhesion on/off

Stimulus: electric potential

HepG2

(hepatic)

and 3T3

cells, co-

culture

Micro-patterned co-culture made possible [85]

Pr
om

is
in

g 
m

at
er

ia
ls

*

Photo-crosslinked

alginate hydrogel

Stiffness change;

Stimulus: light or

hydrolysis

Primary

bovine

chondrocyte

s

High survival rate for primary bovine chondrocytes

Cellular responses to dynamic changes to be studied

[92]

Gellan Gum

hydrogel with both

ionic crosslinking

and

Stiffness, swelling, and

degradation change

Stimulus: light or ion

exchange

NIH 3T3 Swelling and hydrolytic degradation vary with respect

to crosslinking mechanism

Stiffness may be changed quickly during photo-

crosslinking process

[88]
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Type Substrates Properties changed

and stimuli

Cell model Observations and notes Ref.
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[62]
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photo-responsive

caged peptides

Adhesion on/off

Stimulus: UV

3T3

fibroblasts

Modifications of non-adhesive surfaces to adhesive
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[63]
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and 3T3
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Micro-patterned co-culture made possible [85]

Pr
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g 
m

at
er

ia
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Photo-crosslinked
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Stiffness change;
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Primary
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chondrocyte
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High survival rate for primary bovine chondrocytes
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[92]

Gellan Gum

hydrogel with both

ionic crosslinking

and

Stiffness, swelling, and
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exchange
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Stiffness may be changed quickly during photo-
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Type Substrates Properties changed

and stimuli

Cell model Observations and notes Ref.

Methacrylated HA

hydrogel with

photo-crosslinker

Stiffening

Stimulus: UV radiation

NIH3T3L

HeLa

Primary

osteoblast

Good cell viability

Cellular responses to dynamic changes to be studied

[80]

PEG-based

hydrogel

incorporating

CMP*

Softening

Stimulus: temperature or

free CMP

N/A Cellular responses to dynamic changes to be studied [90]

PEG hydrogel (PEG

vinyl sulfone

crosslinked with

PEG-diester-dithiol)

Softening

Stimulus: hydrolysis

3T3 balb

fibroblasts

Good cell viability in 3D gels

Cellular responses to dynamic changes to be studied

[91]

Resilin-like

polypeptide (RLP)

network

crosslinked by

THPP

Dynamic stiffness

Stimulus: oscillation

N/A Cellular responses to dynamic changes to be studied [86]

Thermo-reversible

hydro-ferrogels

(FGs)

Mechanical stiffness

change

Stimulus: temperature

change

N/A Cellular responses to dynamic changes to be studied [89]

Note: ssDNA: single-stranded DNA; ↑ increase; ↓ decrease. *For ‘Promising materials’, most provides in vitro cyto-tox‐
icity study, and cellular responses to dynamic properties remain to be investigated. N/A: not available

Table 1. A partial list dynamic substrates currently used in studying cell responses.

These stimuli, applied to initiate substrate dynamic, include light [62, 63], electricity [16, 17],
pH, temperature, and others [16, 64] (Fig. 1). These approaches generally involve photo‐
chemical or electrochemical conversion, redox reactions, or stimulated configuration change
of surface proteins, which leads to the attachment, detachment, shielding, or exposing of cell
adhesion molecules, among which a popular choice is RGD peptide.

Mrksich group has been actively engaged in the development of SAM-based dynamic sub‐
strates by integrating surface chemistry, micro-patterning, and cell microenvironment engi‐
neering  [17,  19,  61,  65,  66].  Based on  an  elegant  design  of  SAM with  electrochemically
responsive group on a micro-patterned substrate, they first applied electrical stimulation to re‐
lease 3T3 fibroblasts from designed areas on the substrate, and subsequently encouraged mi‐
gration of neighboring cells to those areas with newly added adhesion molecules [65]. Refining
this design by adding responsiveness to both negative and positive electric potentials, they
demonstrated selective control over cell release [67] (Fig. 1C). Other groups have also engaged
in the effort along this direction. By employing a hydroquinone terminated SAM based on re‐
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dox reactions, Chan and colleagues proposed a SAM on gold surface that enables attachment
and release of cell adhesion molecules such as those with RGD motif [68], and selectively re‐
leased adherent 3T3 fibroblasts bound through RGD motifs but not those adherent based on
hydro-phobic interactions (Fig. 1A). Reversibility of cell adhesion is attractive in studying cel‐
lular responses and cell-ECM interactions [60]. As an example, a surface chemistry involving
azobenzene capable of switching between two configurations was utilized to expose or hide
adhesion sites (e.g., RGD motif) upon photochemical stimulation[69] (Fig. 1B). While the find‐
ing is interesting, the long exposure of cells to UV may be problematic despite the reported neg‐
ligible impact of light with wavelength over 320 nm on cells [63].

Figure 1. SAM-based dynamic substrates. (A) Schematic of the approach based on redox reaction (A1) by adjusting elec‐
trochemical potential, and cell detachment upon application of electric potential (A2). Extracted from [68]. (B) Schematic
of altering configuration of azobenzene group under light of different ranges of wave length (B1) [69] and application to
cell culture (B2) where NIH 3T3 fibroblasts initially adhere to adhesive surface (a) which was inhibited upon surface modifi‐
cation (b) followed by recovery of adhesion due to azobenzene configuration change (c). Extracted from [69]. (C) Illustra‐
tion of a SAM that allows different modifications with positive and negative electric potential (C1) and its application in
selective release of Swiss 3T3 cells (C2). Extracted from [67]. All with permission from publishers.
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The above surveys part of the key advancement using SAM in modifying adhesion proper‐
ties of the substrates mimicking those of natural cellular microenvironment. For a complete
analysis of SAMs and their various applications, readers are referred to other reviews (e.g.,
[60, 70]). It suffices to point out that SAMs possess advantages in the precision (down to mo‐
lecular level) of the control that can be applied in mechanistic studies [60, 66] of cell-ECM
interactions, and are potentially useful for cell-based diagnostics among many applications.
However, this approach has certain limitations. First, it mostly relies on coupling between
electrical, chemical (including pH), mechanical, thermal, optical and biochemical (e.g., pro‐
tein conformation) cues whose applicability under in vivo conditions is problematic. Next,
the resulting changes in these studies are mostly of surface biochemical properties or of the
presentation and biological activities of the surface ligands. Nevertheless, SAMs have great‐
ly facilitated the probe and understanding of cell-ECM interactions and particular interplay
between cells and ECM with dynamics in adhesive properties.

3.2. Polymeric hydrogels

Hydrogel materials are gaining popularity in the development of biomimetic materials, pri‐
marily due to the hydrated nature of natural ECM [14, 71]. Implantable hydrogel materials
are increasingly being used in cardiovascular disease, nerve regeneration, and other condi‐
tions [59]. With careful design, hydrogel materials can have tunable materials properties,
which have been demonstrated in a myriad of examples (Table 1). For instance, different
than SAM-based approach, a polymer with both thermo- and photo-sensitivity was used to
reversibly control adhesion of a group of cells [72]. Kim and colleagues took advantages of
the thermo-responsive swelling behavior of copolymer between NIPAM and sodium acryl‐
ate, and created a hydrogel film that can be used to control cell encapsulation with surface
topography [73]. Moreover, biomaterials responsive to the natural stimuli such as those ex‐
perienced by biodegradable materials were found useful in mimicking biological events un‐
der physiological conditions, as illustrated in cell invasion to a MMP-responsive hydrogel
scaffold [74]. This finding, among others, exemplifies the strategy of triggering material dy‐
namic from bio-responsiveness to potential site- or disease-specific cues. The information
from these studies is instrumental to the design of biodegradable materials in optimizing
degradation profile for target cellular responses [75]. Naturally, in order to achieve desired
outcome in adopting these strategies, it is important to gain thorough understanding of the
natural environment, and minimize risks associate with biodegradable materials such as
premature degradation, and potential toxicity of intermediate products from degradation.

Using a popular polyacrylamide hydrogel culture system with modifications that impart it
with photo-sensitivity, Wang and colleagues [76] showed that upon UV induced substrates
softening, spreading of 3T3 fibroblasts was hindered in contrast to that under static condi‐
tions (Fig. 2A). More interestingly, localized softening at anterior and posterior of cells yield‐
ed differential cellular morphology and migration responses [76]. Meanwhile, a PEG based
polymer (PEGA) crosslinked by photosensitive crosslinker (PEGdiPDA) has been developed
by Kloxin et al. [77], and used to lower gel stiffness upon UV exposure, which resulted in
de-activation of myofibroblasts (Fig. 2B). Although UV radiation is preferentially avoided,
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these methods made possible high precision in applying changes of cellular mechanical mi‐
croenvironment, and potentially allow creation of dynamic stiffness gradient.

Figure 2. Photosensitive hydrogels and the study of cellular responses. (A) On a polyacrylamide hydrogel with photo‐
sensitive crosslinker, NIH 3T3 cells contract as indicated by projection area in response to UV-induced substrate soften‐
ing. Extracted from [76]. (B) Valvular interstitial cells (VICs) on a PEG based hydrogel with photosensitive crosslinker
displayed de-activation when UV radiation triggered substrate stiffness decrease. Extracted from [77]. Both with per‐
mission from publishers.
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Similar  observations  were  made  by  Burdick  group  for  human  mesenchymal  stem  cells
(hMSCs) by using hyaluronic acid (HA) hydrogel degradable from hydrolytic and enzy‐
matic  reactions  [78]  (Fig.  3A).  Very  recently,  a  new  material  platform  has  been  con‐
structed  by  this  group  [79]  and  others  [80]  where  the  stiffness  of  a  methacrylated
hyaluronic acid hydrogel is increased via addition of photo-initiator and UV light expo‐
sure.  In  response  to  elevated  stiffness,  human mesenchymal  stem cells  (hMSCs)  spread
more  and  exert  greater  traction  forces  in  hours  (almost  one  magnitude  of  difference),
and the rate of stiffness elevation dictates fate of cell  differentiation towards adipogenic
(slower)  or  osteogenic  (faster)  lineage.  Their  work highlighted that  cellular  behavior  on
dynamic gels is  not the same as that on static gels with same initial  or final properties,
underlining the significance of  dynamics  in  gel  properties.  This  has  been echoed in the
concurrent work [81],  where,  for instance, the fibroblasts on 100% crosslinked hydrogels
demonstrated  different  morphology  from  that  on  100%  crosslinked  gels  modified  from
50% gels.  Therefore,  it  is  conceivable that  the previous state of  the cells  and their  ECM
is also among the determinants  of  their  current  state,  and that  time dimension of  ECM
is of great importance.

Factors  other  than  environmental  conditions  (e.g.,  light,  pH,  temperature)  can  also  be
delivered  to  stimulate  dynamics  in  substrate  properties.  Incorporating  DNA  as  cross‐
linker,  Jiang  and  colleagues  have  developed  a  hydrogel  system  for  cell  attachment
where mechanical properties of the substrates can be altered in situ  in a controlled fash‐
ion when the cell  culture is  present  [20,  81].  These DNA crosslinked hydrogels  may al‐
so  be  designed  to  be  potentially  responsive  to  bio-stimuli,  such  as  temperature  or
enzymes.  Two  representative  cell  types  were  chosen  for  the  study  of  cell  responses  to
dynamic substrate:  fibroblasts  whose sensitivity to mechanical  cues is  well  documented,
and neurons whose mechanosensing capability has recently just  started being appreciat‐
ed. The reports [20, 81] offered evidence that both cell  types do respond to dynamic al‐
ternations  in  the  mechanical  characteristics  of  ECM, and suggest  that  the  alternations  in
the  mechanical  stiffness  may  be  involved  in  disease  progression  (Fig.  3B).  It  has  been
shown  that  the  stiffness  change  resulting  from  pathological  processes,  may  also  aid  in
further progression of diseases [82].

The  same  material  system  was  employed  by  Previera  and  co-workers,  and  they  firstly
proved  the  dual  mechanical  stimuli,  namely  strain  and  stiffness  drop,  during  the  dy‐
namic  processes,  and  secondly  contrasted  cell  behavior  to  stiffness  decrease  with  that
for  hardening  of  the  substrates  [83].  On  hardening  gels  (from  12  kPa  to  22  kPa),  cells
spread  more  than  those  on  static  substrates  of  higher  stiffness  (22  kPa),  whereas  on
softening ones,  they  have greater  spreading area  than that  on either  starting or  ending
stiffnesses.  In  these  studies,  cell  responses  are  determined  by  the  range  of  rigidity
change (due to crosslinking density), starting and ending rigidity, and specific cell prop‐
erties  (e.g.,  projection  area  vs.  aspect  ratio  and  protrusion  for  fibroblasts).  The  stress
generation may also be involved in affecting cell behavior [83].
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Figure 3. Substrates with dynamic mechanical stiffness and their application in cell culture studies. (A) Live/deal cell
staining of human mesenchymal stem cells (hMSCs) in a hyaluronic acid hydrogel (A1) and the analysis of gene expres‐
sion of type I/II collagen and aggrecan revealed that aside from type I collagen, both type II collagen and aggrecan
exhibited an elevated level of expression on dynamic gels from the static ones. Extracted from [78]. With permission
from publisher. (B) L929 fibroblast growth in a DNA crosslinked hydrogel with dynamic stiffness from crosslinking den‐
sity change (B1) and the quantification of spreading area and aspect ratio (B2) showed that dynamic gels are signifi‐
cantly different from their static counterparts. Extracted from [81].

3.3. Other types of materials

The approach of employing polymeric hydrogel to study dynamic changes has certain limi‐
tations, one of which is the coupling of mechanical stiffness and forces (e.g., [83]). To ad‐
dress this concern and others, different from the approach by using SAM or polymeric
hydrogel, AFM based method put forth by Webster and co-workers [84] probed cellular re‐
sponse to instant step change in stiffness excluding influence from stress or strain in the sub‐
strates (Table 1). It has been confirmed that indeed individual 3T3 fibroblasts are able to
sense and respond to the stiffness in a scale of seconds as demonstrated in traction rate and
contraction velocity [84]. However, this approach is most likely with inherent limitation in
mimicking natural cell environment while remains an interesting tool in probing cellular re‐
sponses to instantaneously change in stiffness. Additionally, this approach is applicable
mostly to cells with dynamic morphology.

Common cell culture substrates (e.g., glass coverslip) modified with common photo-cleava‐
ble agents (NPE-TCSP) were shown to be useful for controlling cell adhesion selectively and
temporally [62]. In this method, target areas were first irradiated to remove BSA known to
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prevent cell adhesion, and then pro-adhesive molecules (e.g., fibronectin) were added, fol‐
lowed by cell seeding. It is useful to study dynamics in interactions between single cells. Pe‐
tersen et al. [63] used light to stimulate photosensitive surface modification resulting in
uncovering of the RGD motif upon release of a caging group (Fig. 4A). In doing so, adhesion
of 3T3 fibroblasts was first inhibited and then encouraged, although this process is not re‐
versible. With a sequential activation of adhesive sites upon application of electric potential,
a recent study [85] demonstrated the utility of substrates with ITO (indium tin oxide) micro‐
electrodes modified with poly(ethylene glycol), or PEG, in co-culture of two cell types (hep‐
atic cells and fibroblasts) in a controlled manner (Fig. 4B).

Figure 4. Cellular behavior in responses to other substrates with dynamic properties. (A) 3T3 fibroblasts grown in areas of
patterned stripes (A1) generated from UV radiation based on the surface chemistry involving a caging group (A2). Extract‐
ed from [63]. (B) With PEG-modified ITO microelectrodes on glass substrates (B1), co-culture of two different cell types,
HepG2 (hepatic) and 3T3 cells, was made possible. Extracted from [85]. Both with permission from publishers.

Substrates with Changing Properties for Extracellular Matrix Mimicry
http://dx.doi.org/10.5772/53547

95



3.4. Promising substrates

By applying an oscillation to a resilin-like polypeptide network crosslinked by THPP (β-
[Tris(hydroxymethyl) phosphino] propionic acid (betaine), Li and colleagues were able to
observe dynamic mechanical stiffness of the gels varying with regard to oscillatory frequen‐
cy mimicking the load from human vocal tissues [86] Oscillatory shear induced stiffening
and softening of the collagen network might also serve as good substrates for mimicking
cellular microenvironment particularly that in mechanically active tissues [87]. Ion concen‐
tration may be another stimulus to allow for temporal modification of hydrogel properties
as exchange of ions between monovalant and divalant cations [88], and further work is
needed to confirm it. Temperature-dependent substrate softening has been demonstrated by
Krekhova et al. [89] and 3D complex with temperature-mediated crosslinking hence me‐
chanical properties has been proposed by Stahl et al. [90], while applicability of these sys‐
tems in mimicking cellular microenvironment remains to be seen. Zustiak et al. [91]
reported mechanical stiffness drop, from approximately 1 kPa and at different rate, along
with degradation of a poly(ethylene glycol), or PEG, hydrogel which might serve as not only
drug delivery vehicle but also biomaterial construct, and they have offered preliminary evi‐
dence of good viability of 3T3 balb fibroblasts on the hydrogel substrate. Similarly, rigidity
change from ~180 kPa to tens of kPa in 3-week period of degradation from a photo-cross‐
linked alginate hydrogels based on alginate methacrylation were presented by Jeon et al
[92], and cyto-toxicity has been found to be low. In summary, these substrates holds prom‐
ises as substrates with modifiable properties in situ, and need to be carefully tuned and eval‐
uated for use as substrates with dynamic properties (Table 1). Other materials responsive to
various stimuli including pH, temperature, and biochemical factors for a variety of applica‐
tions, including can be found in the earlier reviews [64, 70, 93], and thus are not discussed in
detail here due to the focus of the current analysis.

4. Design considerations and outlook

4.1. Dynamic properties of the substrates

As indicated in the discussions in Background and Motivation, the progression in changes
of ECM properties is also critical in addition to changes per se in light of the observations in
normal and pathological tissues, development and aging, and potential engineering bene‐
fits. Towards this end, rate of change (e.g., gradual vs. abrupt), range of change (e.g., small
perturbation vs. drastic modifications), and change profile (e.g., monotonic increase vs. fluc‐
tuation) characterizing the nature of changes and their impact on cellular processes are sub‐
ject to research effort, apparently adding to the complexity of the problem (Table 1). Take
biodegradable material (e.g., [94]) as an example. It would be relevant to understand how
mechanical and adhesive characteristics evolve with degradation and how the degradation
profile affects the changes in the cellular micro-environment. Experimental design along this
line may include, for example, different rates of release of RGD motif decreasing adhesive‐
ness while keeping the same range of change (e.g., half of the total RGD presenting sites), or
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altering the range of change while maintaining the same rate of change. Furthermore, it is
not clear at this point whether cellular responses to opposite changes (e.g., increase vs. de‐
crease in adhesiveness or rigidity) of substrate properties are symmetric, thus their behavior
to one direction of dynamic alterations may not be a reliable predictor of that to the opposite
changes.

4.2. Potential effect on cell-cell interactions

Changes in adhesive or mechanical properties of ECM can stimulate cells, which, in re‐
sponse, secrete soluble factors and ECM molecules, and this further impacts neighboring
cell types. Additionally, some cell types such as neurons may use other cells (e.g., astroglia)
as substrate [95], and stiffness change of ‘underlying’ cells per se due to ECM stimulation
may give rise to further alternations thanks to cell-cell interactions. For instance, during
asthma, ECM stiffening contributes to stiffness increase of airway smooth muscle (ASM)
cells, which potentially affects other cell types in the close proximity [33].

4.3. Design parameters for biomaterials and outlook

The design parameters of dynamic substrates from current studies are summarized in Table
2, which includes, but are not limited to, material system to consider (e.g., SAM or polymer‐
ic hydrogel materials), nature of change (mechanical stiffness or adhesion), rate of change
(e.g., transient or gradual change, controllability of the rate of change), range of change (e.g.,
at different stiffness range) as well as potential issues in further investigations and applica‐
tions to medical and healthcare applications. If the interest is in understanding the cellular
behavior to mechanical stiffness alone, then an AFM based approach might be more attrac‐
tive [84] as others will involve stress or strain as part of the stiffening or softening process. If
precise control over stiffness range is desired, the DNA crosslinked PAM hydrogel system
will serve the purpose better [20, 58, 81]. Polymeric hydrogel materials with controllable
degradation profile and hence mechanical stiffness dynamics during degradation (e.g., [88])
will serve the purpose best when biodegradable materials are applied. Some of the material
systems do offer unique benefits such as reversible property change or without using envi‐
ronmental factors (by applying oscillation, crosslinker, or ssDNA).

Meanwhile, there are inherent limitations to each of the material system under discussion
(Table 2). UV exposure generally causes concern to its impact on cellular activities despite
the findings of little impact from a number of studies based on a range of biological assays.
Under physiological conditions, application of certain cues (e.g., ssDNA, light, or ion) might
be too difficult or it might be greatly limited (e.g., temperature triggered changes). However,
it is still possible to find ways to apply these cues with careful design. For instance, ssDNA
design based on pre-screening using BLAST search against targeted specie or tissue type
may minimize the chance of interfering with normal biological activities. Local heating/cool‐
ing may be carefully applied to induce dynamic changes to achieve cellular responses. Three
dimensional system may better mimic natural cellular micro-environment than their 2D
counter parts.
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Stimuli Material

system

Nature of

change

Range of change Rate of

change

Invasiveness of stimulus and

potential issues

Ref.

Ion Ion-crosslinked GC

hydrogel

Stiffness ~22 to ~17 kPa (with

chemical crosslinking)

N/A Under physiological conditions, divalent ions

exchanged by mono-valent ones

[88]

Light Hydrogels based

on PAM crosslinked

by photosensitive

agents

Softening Stiffness: 5.5~7.2 kPa Approximately

0.5~0.6 kPa/ min

UV exposure for 3 min

UV radiation with low energy density

Depth of penetration and limit on dose

[76]

Methacrylated HA

hydrogel

Stiffening

Irreversible change

Stiffness: ~3 to ~30

kPa

Approximately 9

kPa/hr (short

term); 2 kPa/day

(long-term)

UV exposure for a few min

Potential toxicity of photoinitiator

Depth of penetration and limit on dose

[79]

Photo-crosslinked

methacrylated

Gellan Gum

hydrogel

Stiffness; Swelling

Hydrolytic

degradation

Stiffness: a few kPa to

22 kPa (by physical

crosslinking)

Approximately

20 kPa/ min

UV exposure for one min

Depth of penetration and limit on dose

[88]

Methacrylated HA

hydrogel with

photo-crosslinker

Stiffness;

Irreversible change

Stiffness: 1.6 to 3.8

kPa; 3-12 kPa

Approximately

0.1 or 0.3

kPa/min (during

gelation)

UV exposure for a few min

Potential toxicity of photo-initiator

Depth of penetration and limit on dose

[80]

PEG based

hydrogel with

photosensitive

crosslinker

Stiffness↓

Adhesive property

Irreversible change

N/A N/A Depth of penetration and limit on dose [77]

DNA DNA crosslinked

PAM system

Stiffening &

softening,

potentially coupled

with strain/stress

Reversible change

Stiffness: ~5.9 to 22.9

kPa

Stress > 0.5 Pa

Up to 8.5 kPa/

day

No differentiation in cellular responses

between forces, stress, and stiffness

Potentially interference from DNA with bio-

activity (e.g., as anti-sense DNAs), and

potential issue with DNase

BLAST search against target specie & tissue

type

[20, 81,

83]

AFM/

stiffness

clamp

Piezo-controlled

substrates and

AFM stiffness

clamp

Instantaneous

change in stiffness

Unidirectional

Stiffness: 3.6 to 90

nN/µm

Step change

(instantane-

ously)

Applicable only to cells with dynamic

morphology

[84]

Hydro-lysis Photo-crosslinked

alginate hydrogel

Softening due to

degradation

Stiffness: ~25 to ~180

kPa

7-8 kPa/ day In sample preparation (with cells), UV

exposure for 10 mins

[92]

HA hydrogel Stiffening &

structure change

Stiffness: e.g., ~5 to

30 kPa for one case

0.7 kPa/ day Dense crosslinking may impede cellular

growth limited by diffusion& concentration of

radicals

[78]

PEG hydrogel (PEG

vinyl sulfone

Softening due to

degradation

Stiffness: from ~1

kPa-3 kPa to very low

From ∼900

Pa/day to 500

Pa/day

Good cell viability

Hydrogel degraded in 16 hours

[91]
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Stimuli Material

system

Nature of

change

Range of change Rate of

change

Invasiveness of stimulus and

potential issues

Ref.

crosslinked with

PEG-diester-dithiol)

Temp-

erature

Thermo-reversible

hydro-ferrogels

(FGs)

Stiffening due to

structural transition

Stiffness: ~28-24 kPa

for 2ºC change at

37ºC

A few kPa for 1ºC

of temperature

change

Temperature change needs to be defined to

be relevant to cell culture

[89]

PEG-based

hydrogel

incorporating

CMP*

Stiffness change

Due to temperature

and free CMP

Stiffness (indirect

measurement)

N/A Temperature change needs to be defined to

be relevant to cell culture

Bio-compatibility of free CMP

[90]

Oscilla-

tion

Resilin-like

polypeptide based

elastomer

Stiffness change

due to oscillation

Storage modulus

between 0.5 and 10

kPa

Highly dynamic Strain/stress that is associated with oscillation [86]

Note: N/A: not available; This is a partial list of the current work under examination.

Table 2. Design considerations in constructing dynamic substrates mimicking extra-cellular matrix (ECM).

A few new material system have been identified with the potential as dynamic cell culture
platform as well as choice of biomaterials (Table 1). Many of them have demonstrated good
cyto-compatibility, and investigation of impact of in situ changes to cells will be desired.

5. Concluding remarks

There is an increasing recognition of the discrepancy between static nature of the current cell
culture substrates or scaffolds and the dynamics in ECM in natural or diseased tissue, dur‐
ing development and aging, or at tissue-scaffold interfaces. This has motivated the develop‐
ment of materials with controlled changing properties that mimic those of ECM. An array of
stimuli, including environmental factors (temperature, pH, light, electrical potential) and
non-environmental cues including enzyme and DNA, have been implemented to trigger dy‐
namics in a number of material platform such as SAMs, polymeric hydrogels and other sub‐
strates with surface chemistry and modifications.

To date, most of the effort along this line has been devoted to in vitro models, and in vivo
studies of the effect of dynamic tissue properties on cellular behavior are still rather limited,
which awaits further development in cell biology and proper tools such as imaging techni‐
ques [12, 14, 29].

Understanding the interplay between cells  and the extracellular matrix (ECM) including
its  dynamic  aspect  is  fundamental  to  biology,  development,  aging  and  pathology,  and
can aid  in  the  design  of  biomaterials.  Ultimately,  the  system enabling  both  spatial  and
temporal control [96] of cells would be most relevant in terms of bio-mimicry and tissue
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engineering applications. Some of the potential directions include creating dynamic adhe‐
sive  gradient  to  guide  cell  migration  or  neurite  outgrowth  at  desired  time  point,  con‐
structing  scaffolds  with  suitable  mechanical  rigidity  to  inhibit  glia  cell  growth  (thus
hinder  scar  formation)  while  promoting  nerve  regeneration  with  compliance  gradient,
and  developing  dynamic  platform  for  stem  cell  harvesting  and  differentiation  for  cell-
based therapies.
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1. Introduction

A biomaterial is any material that comprises whole or part of a living structure or biomedi‐
cal device which performs, augments, or replaces a natural function to improve the quality
of life of the patients [1]. Over the past fifty years biomaterials has been developed as a sci‐
ence with various forms of implants/medical devices, and have been widely used to replace
and/or restore the function of traumatized or degenerated tissues or organs. As a life-saving
and life-improving option for countless patients, biomaterials have been paid more and
more attention during the last decade. Only in the United States, more than 13 million im‐
plant/medical devices implanted annually. As a result, the impact factor of the journal of
“Biomaterials” has boomed from 2.489 to 7.404 from the year 2001 to 2012.

The implant/medical device scope of biomaterials ranges from simple implants like intraoc‐
ular lenses (which restore sight to millions of cataract patients every year), sutures, wound
dressings, decellular matrices, bone plates, joint replacements to more complex materials
like biosensors, catheters, pacemakers, blood vessels, artificial heart (that provide both me‐
chanical and biological functions in a body), left ventricular assist devices and prosthetic ar‐
terial grafts. According to the resources and properties biomaterials can be assorted into
autografts, allografts, organic polymers, such as natural collagen, fibrin, chitosan, hyaluron‐
an, heparin, cellulose, and synthetic polyurethane (PU), polyester, metal, such as alumini‐
um, steel, titanium, inorganic salts, such as calcium phosphate, hydroxyapatite, and their
compounds or derivatives. There are more than one hundred different biomaterials which
have been applied in vivo. All biomaterials when implanted into a body initiate a host re‐
sponse that reflects the first steps of tissue repair. The host/biomaterial interactions which
follow implantation of any prosthesis or device are a series of complex events that have not
been well defined. Generally, host reactions following implantation of biomaterials include
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injury, blood–material interactions, provisional matrix formation, acute inflammation,
chronic inflammation, granulation tissue development, foreign body reaction, and fibrosis/
fibrous capsule development [2]. There are numerous types of host responses to a broad
spectrum of biomaterials.

When considering a biomaterial for implantation or medical use, the first and most impor‐
tant requirement is nontoxic, nonimmunogenic, chemically inert/active, and acceptable by
the human body. Biocompatible in most cases means that the biomaterials must not form
thrombi in the blood system, result in tumors in the surround tissues, or be immediately at‐
tacked, encapsulated, or rejected by the body [3]. According to the host responses to im‐
plantable biomaterials, there are many different kinds of biocompatibilities, including local
tissue responses, such as necrosis, repulsion, infection, inflammation, calcification, scar, cyst,
amalgamation, thrombus, tumor, cancer, and whole body responses, such as fever, toxicity,
circulation impediment, nerve anesthesia, malformation, etc. The overall biocompatibilities
including cyto-compatibility, hemo-compatibility, and tissue-compatibility, are often evalu‐
ated using histological sections, cell markers, and metabolite measurements. Sometimes,
polymers with similar chemical characteristics behave differently in certain situations. For
example, polyethylene and ultrahigh molecular weight polyethylene behave differently as
orthopedic biomaterials for knee and hip replacement [4]. Until present, most of the im‐
plantable biomaterials trigger acute or/and chronic inflammatory responses in the body.
These reactions can totally black a biomaterial and even lead to huge disasters or personal
misfortunes. Among the numerous types of host responses, early interactions between im‐
plants and inflammatory cells are probably mediated by a layer of host proteins on the bio‐
material surface. Franz and coworkers have described several typical host responses of
implantable biomaterials (Figure 1) [5]. This model can be used as a reference for evaluation
of an implantable biomaterial when it is implanted shortly in vivo.

In this chapter, I will focus on the in vivo host responses about twenty common used bioma‐
terials which cover nearly every tissue and organ in human body. Advanced biologic techni‐
ques have been employed in determining the mechanisms behind observed macroscopic or
microscopic responses. An understanding of the molecular and cellular events which occur
in response to implantable biomaterials may allow us to manipulate responses and design
more biocompatible, bioactive and functional biomaterials for clinical applications, such as
regenerative medicine and controlled releasing drugs.

2. Allografts

Allograft (also called homograft) is a tissue/organ graft from one individual to another of the
same species with a different genotype [6]. It has been successfully used in various medical
procedures for more than 150 years. Approximately 1500000 allografts are transplanted each
year for a variety of life-saving and life-enhancing surgeries. For example, skeletal grafts for
patients with bone defects from cancer or traffic accidents; cornea transplants to help restore
sight; heart valves to replace damaged heart tissues; skin grafts to save the lives of burn vic‐
tims, and tendon replacements to help people with more active lives [7].
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Figure 1. Immune response toward biomaterials. (A) Adsorption of blood proteins and activation of the coagulation cas‐
cade, complement and platelets result in the priming and activation of polymorphonuclear leukocytes (PMNs), monocytes
and resident macrophages. (B) Danger signals (alarmins) released from damaged tissue additionally prime the immune
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cells for enhanced function via pattern recognition receptor (PRR) engagement. (C) The acute inflammatory response is
dominated by the action of PMNs. PMNs secrete proteolytic enzymes and reactive oxygen species (ROS), corroding the bio‐
material surface. Interleukin (IL)-8 released from PMNs enhances PMN influx and priming. In the transition from acute to
chronic inflammation, PMNs stop secreting IL-8 in favor of cytokines promoting immigration and activation of monocytes
and macrophages. (D) Macrophages are the driving force of chronic inflammation. Constant release of inflammatory me‐
diators like tumor-nekrose-faktor alpha (TNFα), IL-6, and monocyte chemotactic protein (MCP)-1 results in permanent acti‐
vation of macrophages. Fusion-inducing stimuli like IL-4 and IL-13 promote the fusion of macrophages to foreign body
giant cells (FBGCs,) which form a highly degradative environment on the biomaterial surface. Furthermore, FBGC promote
extracellular matrix (ECM) remodeling and fibroblast activation resulting in excessive fibrosis and biomaterial encapsula‐
tion. (E) Macrophage-derived cytokines and pattern recognition receptor engagement activate dendritic cells (DCs) on the
biomaterial surface. Depending on the nature of the stimulus, DCs mature to either immunogenic or tolerogenic subtypes,
amplifying or suppressing the inflammatory response [5].

Compared with autografts which come from the same bodies and are only available in limit‐
ed amounts, allografts are more readily available and accompany with less risk and postop‐
erative morbidity. The healing times is therefore shorter and less painful for a patient with
no second surgical site is required (as there is when an autograft is utilised). Currently, the
use of allograft tissues is increasingly popular all over the world, with widespread orthopae‐
dic surgeons and debilitating musculoskeletal conditions. Nearly one tissue/organ donor
can save or improve the lives of up to 60 people. Especially, Musculoskeletal Transplant
Foundation, the world's largest tissue bank, provides allograft tissue and biologic solutions
for ligament reconstruction [8]. Meanwhile bone and soft tissue allografts from the Steri‐
Graft™ line has been in existence for over 13 years and has helped doctors and their patients
with over one hundred thousand successful transplantations. Before transplantation, a
blood sample from the donor is normally tested in case any infected diseases, such as hu‐
man immunodeficiency virus (HIV), Hepatitis, and Syphilis [9].

Specially, decellularized tissue/organ matrices derived from allografts have been used since
the 1940s to support tissue repair and replacement. Their popularity has grown sharply dur‐
ing the last decade with the advent of tissue engineering [10]. At present, decellularized tis‐
sues/organs have been successfully used in a variety of tissue/organ regenerative medicines.
The efficiency of cell removal from a tissue/organ is dependent on the origin of the tissue/
organ and the specific physical, chemical, and enzymatic methods that are used. Each of
these treatments affects the biochemical composition, tissue ultrastructure, and mechanical
behavior of the remaining extracellular matrix (ECM) scaffold, which in turn, affect the host
response to the material [11].

3. Collagen and gelatin

Collagen is one of the most prevalent proteins in the connective tissue of animals and consti‐
tutes approximately 25% of total body protein in vertebrates. It therefore is an important bi‐
omaterial in medical, dental, and pharmacological fields. After the immunogens in the
collagen molecules are dislodged, collagen has excellent biocompatibilities either in vitro or
in vivo. Collagen is capable of being cross-linked into solid or lattice-like gels. Resorbable
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for closure of graft and extraction sites, and to promote healing [12]. During in vivo implan‐
tation, collagen irritates slight inflammation accompanying with some scar tissues.

A collagen sponge obtained from Beijing Yierkang Biengineering Development Center Chi‐
na was implanted subcutaneously in rats for time periods up to 8 weeks (Figure 2) [13]. One
week after implantation, slight inflammation with some lymphocytes, myofibrils and fibro‐
blasts were observed. The appearance of myofibrils and fibroblasts indicated that scar tissue
was developed (Figure 2A). Two weeks after implantation, fibrous tissue was formed with
scattered macrophage and lymphocyte cells in the fibrous layer. Newly formed blood ves‐
sels appeared in the implant site while the collagen sponges were completely resorbed (Fig‐
ure 2B). Four weeks after implantation, the thin fiber layer had changed into wavelike scar
tissue and tightly connected with the surrounding muscles. Capillaries were evident in the
new fibrous scars (Figure 2C). Six weeks after implantation, scar tissue in the collagen sam‐
ples was mature (Figure 2D). Eight weeks after implantation, the wave-like scar tissue in the
collagen samples became thinner with some lipocytes and vacuoles (Figure 2E) [13].

Collagen compounds, such as collagen/chitosan, collagen/hyaluronan, have been investigat‐
ed extensively during the past several decades. The biocompatibilities of these compounds
depend largely on the incorporated constituents. For example, a corneal collagen cross-
linked with riboflavin and ultraviolet radiation-A has been used for keratoconus repair of a
29-year-old woman with some good results [14]. In some instances, it is more competing to
use a compound to improve the mechanical properties of the collagen based biomaterials.
For example, a porous implantable dexamethasone-loaded polylactide-co-glycolide (PLGA)
microspheres/collagen glucose sensors [15] and a mitomycin C (MMC) delivery system
(MMC-film), incorporating polylactide (PLA)–MMC nanoparticles in a composite film from
blends of collagen–chitosan–soybean phosphatidylcholine (SPC) with a mass ratio of 4:1:1
have been explored with no sign of internal infection and fibrous encapsulation in any ani‐
mals after 20 days of implantation [16].

Gelatin is a mixture of peptides/proteins produced by partial hydrolysis of collagen extract‐
ed from the skin, boiled crushed bones, connective tissues, organs and some intestines of an‐
imals such as domesticated cattle, chicken, horses hooves, and pigs [17]. Gelatin possesses a
better biocompatibility than its ancestry collagen. Alloimplants of bone matrix gelatin are ef‐
fective in the treatment of bone defects with a low risk of complication such as rejection or
infection [18]. Aqueous gelatin solution is an amorphous natural hydrogel in which cells can
be encapsulated, extruded and deposited at desired positions. Unlike collagen hydrogel, gel‐
atin hydrogel holds a special gelation property around 20℃. In Tsinghua University the au‐
thor’s own group, this property has been explored extensively for rapid prototyping (RP)
(or additive manufacturing) of three-dimensional (3D) complex geometrical structures with
computer-aided design channel models [19-24]. Until now, a hybrid hierarchical 3D con‐
struct consisting both synthetic polyurethane PU and natural cell/ gelatin-based hydrogel
with interconnected macro-channels has been produced via a double nozzle RP technique at
a low temperature (-28℃). These constructs have demonstrated excellent in vivo biocompa‐
tibilities [23,25]. This technique holds the potential to be widely used in the future complex
tissue/organ manufacturing areas.
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Figure 2. Light-microscope evaluation of the tissue response to collagen sponges with hamatoxylin-eosin (HE) stain‐
ing: (A) 1 week after implantation; (B) 2 weeks after implantation; (C) 4 weeks after implantation; (D) 6 weeks after
implantation; (E) 8 weeks after implantation. The scale bar indicates a distance of 50μm in (A), (C), and (D), and a
25μm in (B) and (E) [13].

Combination of gelatin microspheres/scaffolds with other biomaterials, such as collagen, al‐
ginate, chitosan, hyaluronan, and fibrin has also been explored extensively. For example, a
gelatin microsphere containing basic fibroblast growth factor and preadipocytes, is essential
to achieve a engineered fat tissue [26]. A PLGA microparticles containing an anticancer
agent paclitaxel was formulated for the treatment of lung cancers [27]. Gelatin hydrogel in‐
corporating hepatocyte growth factor induced angiogenic change around the implanted hy‐
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drogel [28]. A silk fibroin/gelatin composite scaffold was implanted into subcutaneous
pockets on male Sprague-Dawley rats with a slight inflammation reaction. By day 30, the
scaffold had been completely infiltrated and organized by fibroblasts and inflamed cells.
The greater the gelatin concentration in the scaffold, the faster the degradation rate [29].

4. Fibrin

Fibrin (also called Factor Ia) is a fibrous, non-globular protein involved in the clotting of
blood. It is formed from fibrinogen by the protease thrombin, and is then polymerised to
form a hemostatic plug or clot (in conjunction with platelets) over a wound site [30]. The clot
fibrin can be naturally degraded by proteolytic enzymes from the fibrinolytic system, such
as plasmin [31,32]. In vivo, fibrin(ogen) plays an important role in hemostasis, inflammation,
signal transduction, platelet activation, wound healing, osteoinductive and angiogenesis
[33-36]. The food and drug administration (FDA) in American has approved commercially
made fibrin sealants in 1998 [37].

During the last decade, autologous fibrin-based matrices have demonstrated great potential as
being used as tissue engineered replacements, such as heart valves [38-40], cartilages [41], and
blood vessels [42]. Immunohistochemistry and ECM assay demonstrated that the fibrin scaf‐
folds can be completely absorbed in vivo in about 3 months with low granulomatous inflamma‐
tion (Figure 3) [43-46]. Farhat and coworkers have evaluated whether a fibrin glue spray
technique enhances cell seeded acellular matrix (ACM) repopulation in a porcine bladder mod‐
el. The in vivo central fibrosis results indicated that while fibrin glue enhanced cellular organiza‐
tion on ACM in vitro, factors supporting seeded cell survival are lacking [47].

On the other hand, spatio-temporal controlled delivery of bioactive molecules within fibrin
has been expanded rapidly. Various states of fibrin, such as scaffold, sheets, microparticles
and fibrin-coated drug particles have been used as drug delivery systems [48,49]. Growth
factors, such as vascular endothelial growth factor (VEGF) and transforming growth factor-
β (TGF-β) can easily bind to the fibrin molecules and be controlled released subsequently by
diffusion [50-56]. In the future, autologous fibrin may play an important role in customized
clinical applications, such as anti-immune drug delivery systems and human tissue/organ
constructions to avoid any negative host reactions [57].

5. Dextran and its derivatives

Dextran, a high-molecular-weight polymer of d-glucose, formed by sucrose enzymes on the
cell surface of certain lactic acid bacteria in the mouth adhere to the tooth surfaces and pro‐
duce dental plaque. Uniform molecular weight dextrans (named for their average molecular
weight) from Leuconostoc mesenteroides with specific preparations has been used for over
50 years in plasma volume expansion, thrombosis prophylaxis, peripheral blood flow en‐
hancement and for the rheological improvement of, for instance, artificial tears [30,58]. Dex‐
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trans with an average molecular weight of 1000 to 2 million g/mol are commercially
available for research purposes [59]. Two preparations of dextran with lower fractions
(40000 and 70000 g/mol) are suitable for nontoxic clinical use [60]. However, high fractions
of dextrans can produce erythrocyte aggregation, impaired microcirculation, and a clinical
picture akin to shock and certain other diseases.

Figure 3. Eleven-day Masson’s trichrome (MT) staining sections of a fibrin scaffold. (A) Untreated defects and (B) de‐
fects containing empty scaffolds were filled with new bone tissue. However, no reparative bone was observed in the
center of defects containing (C) scaffolds filled with fibrin (low T) and (D) scaffolds filled with fibrin (high T). (Inset)
Patches of multinucleated giant cells (striped arrow) were observed at the scaffold interface in all scaffold-containing
groups. Black arrows point to areas occupied by the scaffold, whereas white arrows point to the advancing bone
front. Field width 5.2 mm, inset field width 0.2 mm [46].

During 1990-1994, extensive toxicologic evaluations indicate that small-volume infusions of
7.5% NaCl/6% dextran 70 (HSD) at the proposed therapeutic dose of 4 mL/kg, present little
risk as implantable biomaterials [61,62]. Dextran hydrogels have offered good opportunities
as protein delivery systems or tissue engineering scaffolds because of an inherent biocom‐
patibility [63]. The hydrophilic, soft and rubbery properties of the dextran hydrogels ensure
minimal tissue irritation and a low tendency of cells and proteins to adhere to the hydrogel
surface [59]. Althogh dextran itself is not toxic, some of the methods used for crosslinking
the polymer may result in toxic byproducts. For example, the toxicity of dialdehyde cross‐
linked dextran/gelatin hydrogel can be detected in fibroblast and endothelial cell cultures.
Subcutaneous implantation studies in mice showed that the foreign body reaction seen
around the implanted hydrogel samples was moderate and became minimal upon increas‐
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ing implantation time [64]. A methacrylate-derivatized dextran hydrogel also shows good in
vitro biocompatibilities [65].

More recently another effect of dextran, namely that of antithrombogenesis, has been recog‐
nized [66]. Dextran sulfate, a dextran derivative, its effects on coagulation has already been
proven [67]. It has been reported that dextran sulfate has been found to activate the poly‐
merization of fibrin monomer, ATIII, conversion of prekallikrein to kallikreinand fibrinoly‐
sis. Kallikrein, the conversion of fibrinogen to fibrin appears to be inhibited by dextran
sulfate. These effects are, inter alia, concentration dependent [67,68]. Meanwhile, a dextran
sulphate sodium model of colitis has demonstrated several correlations of this biomaterial
with human inflammatory bowel disease [69]. Furthermore, a lauric acid modified dextran-
agmatine bioconjugate (Dex-L-Agm) was prepared by 1,1'-carbonyldiimidazole activation
and the nucleophilic reaction between tosyl of tosylated dextran and primary amine of ag‐
matine was found to be highly cytocompatible without causing hemolysis and red blood cell
aggregation [70].

6. Hyaluronan

Hyaluronan (also called hyaluronic acid or hyaluronate, HA) is a natural anionic, viscoelas‐
tic and hygroscopic glycosaminoglycan, discovered in 1934, by Karl Meyer and his assistant,
John Palmer in the vitreous of bovine eyes [71]. As one of the chief components of the ECM,
hyaluronan distributes widely throughout connective, epithelial, and neural tissues. It is
unique among glycosaminoglycans in that it is nonsulfated, forms in the plasma membrane
instead of the Golgi, and can be very large in molecular weight (often reaching the millions)
[72]. HA plays several important organizational roles in the ECM by binding with cells and
other protein components through specific and nonspecific interactions [73] and is responsi‐
ble for various functions within the ECM such as cell growth, proliferation, differentiation,
migration [74], and even some malignant tumors [76].

Basically hyaluronan is a highly non-toxic, non-antigenic and non-immunogenic polysac‐
charide, owing to its high structural homology across species,  and poor interaction with
blood  components  [77,78].  The  FDA  in  American  has  approved  the  use  of  hyaluronic
acid for certain eye surgeries,  such as cataract  removal,  corneal transplantation,  and de‐
tached  retina  [79].  People  take  hyaluronic  acid  for  various  joint  disorders  (lubricant
agents),  lip fillers,  "youth fountains”,  and even wound healing catalysts [80].  Nowadays
various hyaluronan hydrogels have been used to delivery drugs and cell  growth factors
[81,82].  There  are  some  evidence  show  that  fragmented  hyaluronan  stimulates  the  ex‐
pression of inflammatory genes by a variety of immune cells at the injury site. With the
protein-bonding  abilities,  hyaluronan  fragments  signal  through  both  Toll-like  receptor
(TLR)  4  and  TLR2  as  well  as  CD44  to  stimulate  inflammatory  genes  in  inflammatory
cells.  Hyaluronan  presents  on  the  epithelial  cell  surface  can  provide  protection  against
tissue  damage  from  the  environment  by  interacting  with  TLR2  and  TLR4  [83-85].  It  is
well  known that  accumulation  and  turnover  of  ECM components  are  the  hallmarks  of
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tissue  injury.  Current  model  of  hyaluronic  acid  appear  in  the  early  stages  of  wound
healing is to physically make room for white blood cells, which mediate the immune re‐
sponse  and  at  least  in  part,  reduce  collagen  deposition  and  therefore  lead  to  reduced
scarring [86].  This hypothesis is  in agreement with the research of West and coworkers,
who have showed that in adult and late gestation fetal wound healing process, removal
of HA results in fibrotic scarring [87].

HA can be modified through several  different  ways,  such as chemically esterify its  car‐
boxylic  groups with some types of  alcohol.  The physico-chemical  properties  of  the new
biopolymers allow the preparation of many biomaterials with different biocompatibilities
for various medical applications [88].  Shen and coworkers implanted hyaluronan hydro‐
gel  and  periodate  oxidated  hyaluronan  hydrogel  in  ischemic  myocardium  and  found
rapid degradation rates,  low quantity  of  inflammation-mediating cells,  thin fibrous cap‐
sules  with dense blood vessels  around the hydrogels  at  week 2 [89].  Praveen and cow‐
orkers  used  HA/polyvinyl  alcohol  (PVA)  coating  membrane  to  minimize  the  problems
related to protein deposition and fibrous tissue formation on an implanted glucose sen‐
sor [90].  HA hydrogels modified with laminin could support cell  infiltration, angiogene‐
sis,  and simultaneously inhibit  the formation of glial scar after being implanted into the
lesion  of  the  cortex  [91].  Compared  with  pure  gelatin  hydrogen,  HA/gelatin  composite
has a  better  compatibility  and contiguity  with the surrounding brain tissue with no in‐
flammatory  reaction  and  fibrous  encapsulation  [92].  Intravitreal  implants  of  hyaluronic
acid  esters  represent  useful  biocompatible  and  biodegradable  properties  for  a  potential
drug delivery system in the treatment of posterior segment ocular diseases [93]. A cross-
linked  HA hydrogel  that  contained  a  covalently  bound derivative  of  the  anti-prolifera‐
tive  drug MMC was  synthesized and evaluated in  vitro  and in  vivo.  This  hydrogel  has
strong  potential  as  anti-fibrotic  barriers  for  the  prevention  of  post-surgical  adhesions
[94]. Two injectable thiolated HA derivatives were coupled to four alpha, beta-unsaturat‐
ed ester and amide derivatives of poly(ethylene glycol) (PEG) 3400 and were found that
the encapsulated cells can retained their original fibroblast phenotype and secreted ECM
in vivo [95].  A fibrin/HA composite gel  with autologous chondrocytes has been synthe‐
sized for tracheal reconstruction. Histologically, the grafts showed no signs of inflamma‐
tory reaction and were covered with ciliated epithelium [96].

7. Heparin

Heparin (from Ancient Greek ηπαρ (hepar),  liver),  a highly sulfated glycosaminoglycan,
is widely used as an injectable anticoagulant, and has the highest negative charge densi‐
ty  of  any known biological  molecule  [97].  Heparins  are  involved in  different  pathways
of the coagulation cascade with anticoagulant, antithrombotic,  profibrinolytic,  anti-aggre‐
gative,  as  well  as  anti-inflammatory effects  [98].  As stated in the fibrin section,  the pri‐
mary anticoagulant  effect  of  heparin is  through the suppression of  thrombin-dependent
amplification of the coagulation cascade, and inhibition of thrombin-mediated conversion
of fibrinogen to fibrin [99].
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Heparin holds the ability to relieve pain, inhibit clotting and inflammation, restore blood
flow, enhance healing, and can be a useful addition to a range of available treatments for
burn wounds [100]. Unfractioned heparin exhibits a broad spectrum of immunomodulating
and anti-inflammatory properties, by inhibiting the recruitment of neutrophils and reducing
pro-inflammatory cytokines in the treatment of inflammatory bowel disease [101]. Low-mo‐
lecular-weight heparin can reduce or prevent development of signs/symptoms associated
with post-thrombotic syndrome [102]. Heparin has been widely used to form an inner anti‐
coagulant surface on various experimental and medical devices such as membranes
[103,104], tubes and renal dialysis machines [105,106].

Although heparin is used principally in medicine for anticoagulation, its true physiological
role in the body remains unclear. Blood anti-coagulation is usually achieved by heparan sul‐
fate proteoglycans which derive from endothelial cells stored within the secretory granules
of mast cells and only released into the vasculature at sites of tissue injury [107]. Rather than
anticoagulation, the main role of heparin may be defense at such sites against invading bac‐
teria and other foreign materials [108]. A thiol-modified heparin in the Extracel-HP® mimics
heparan sulfate proteoglycans also normally presents in the ECM and regulates the in vivo
growth factor release for a functional microvessel network development [109]. A well-
known adverse effect of heparin therapy is thrombocytopenia, a serious, immune system–
mediated complication with significant mortality (Figure 4) [110-112].

8. Alginate

Alginate, is a salt of alginic acid ( medical-dictionary.thefreedictionary.com), and an anionic
polysaccharide distributed widely in the cell walls of brown algae, where it, through bind‐
ing water, forms a viscous gum (Wikipedia, the free encyclopedia). Sodium alginate (com‐
posed of mannuronic and guluronic (G) dimmers) is a biocompatible and biodegradable
polymer, and has been widely used in cell encapsulation technology, though the biocompat‐
ibility of the alginates in relation to their composition is a matter of debate [113]. In the mol‐
ecules of sodium alginate the primary block guluronic acid contains available carboxylic
acid groups that allow the alginate to be reversibly crosslinked by divalent cations, such as
Ca+2 and Mg+2, to form a relatively stable hydrogel [114,115]. Clinically, water-soluble algi‐
nates are useful as materials for dental impressions. Calcium alginates have been widely
used as a base material to encapsulate glucose-sensing pancreatic islets that secrete insulin
into the lymphatic system to reverse the effects of insulin-dependent diabetics [116]. Some
investigators have utilized alginates to promote the viability of encapsulated cells [117]. Al‐
ginate-poly-L-lysine-alginate (APA) microcapsules continue to be the most widely studied
device for the immuno-protection of transplanted therapeutic cells [118]. Alginate-chitosan-
alginate (ACA) microcapsules have been developed as a device for the transplantation of
living cells with protein adsorption onto the surface of microcapsules immediately upon im‐
plantation [119].
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Figure 4. Model of pathogenesis of heparin-induced thrombocytopenia (HIT). Heparin binds with Platelet factor 4
(PF4), which exposes neoepitopes on PF4 and leads to antibody production (1). Heparin-PF4-IgG immune complexes
form (2), and IgG in multimolecular complex triggers platelet activation via binding to Fc receptors (3). Activated pla‐
telet releases additional PF4 (4a) and prothrombotic platelet microparticles (4b). Thrombotic risk is further promoted
by binding of PF4 to heparin-like molecules on endothelial cells (EC), contributing to immune system–mediated endo‐
thelial damage (5) [112].
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9. Chitin, chitosan and their derivatives

Chitosan is a naturally occurring linear polysaccharide, consisting of glucosamine and N-
acetyl-glucosamine,  normally  made  of  deacetylated  chitin  which  is  the  structural  poly‐
mer found in the shells of crabs and shrimp (lobster,  squid, some yeast and mould), by
N-deacetylation using strong alkali [120]. More than 40 years have lapsed since this bio‐
material  had  aroused  the  interest  of  the  scientific  community  around the  world  for  its
potential biomedical applications [121]. Until now chitosan possess a number of commer‐
cial  and biomedical  applications  in  wound dressing,  drug delivery and tissue engineer‐
ing.  For  example,  chitosan  based  scaffold  biomaterials  have  demonstrated  versatile
properties  to  promote  the  epithelial  and  soft  tissue  regeneration  in  the  body  [122,123].
Chitosan patches in various sizes that have been cleared by the FDA are a topical hemo‐
stat  for  moderating  severe  bleeding.  Nevertheless,  an  obvious  disadvantage  of  this  im‐
plantable,  absorbable  biomaterial  is  that  chitosan  initiates  serious  host  inflammation
reactions (Figure 5)  [13,124].  Additionally,  chitosan is  bioadhesive and has the ability to
transiently  open  tight  junctions  in  the  nasal  epithelia,  thereby  permitting  drugs  to  dif‐
fuse  through  this  barrier.  Advantages  of  this  nasal  route  of  administration  include:  a
higher permeability  of  the nasal  mucosa than in the gastrointestinal  tract;  a  low degree
of pre-systemic metabolism; and a high level of patient compliance, compared to injecta‐
ble systems [125].

It  is  very  interesting  that  when  the  number  of  N-acetyl-glucosamine  units  in  a  chitin/
chitosan mixture is  higher than 50%, the biopolymer is  termed chitin.  50% deacetylated
chitosan  has  a  less  inflammation  reaction  than  the  others  when  they  are  implanted  in
vivo  [126].  Cross-linking  of  chitosan  membrane  using  genipin  and some other  chemical
agents can increase the membrane’s ultimate tensile strength but significantly reduced its
strain-at-fracture and swelling ratio [127]. In the author’s own group, an ammonia treat‐
ed  chitosan  sponge  was  implanted  subcutaneously  in  rats  for  8  weeks  (Figure  5).  One
week after implantation,  the chitosan sponges were entirely retained and wrapped with
a layer of purulent cells.  The purulent cells  had infiltrated the outside chitosan sponges
(Figure  5A).  Two  weeks  after  implantation,  the  encapsulated  purulent  layer  was  en‐
larged at the periphery of chitosan sponges. More acute inflammatory cells had infiltrat‐
ed  the  chitosan  sponges  and  there  was  no  sign  of  biodegradation  of  the  chitosan
sponges  (Figure  5B).  Four  weeks  after  implantation,  the  chitosan  sponges  still  main‐
tained their  porous structure.  A much thicker purulent layer and more acute inflamma‐
tory  cells  were  found  around  or  in  the  chitosan  sponges  (Figure  5C).  Six  weeks  after
implantation, most of the chitosan still maintained their scaffold integrity with numerous
interspersed purulent  cells.  Some purulent  cells  even formed large channels  throughout
the  chitosan  sponges  (Figure  5D).  Eight  weeks  after  implantation,  purulent  cell  infiltra‐
tions  had  further  increased  in  the  chitosan  sponges.  Some  collapsed  matrix  structures
were  detected  at  the  outer  margins  of  the  implants  and  more  channel  structures  were
found between the remnants of chitosan lamellae (Figure 5E).
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Figure 5. Light-microscope evaluation of the tissue response to chitosan sponges with HE staining: (A) 1 week after
implantation; (B) 2 weeks after implantation; (C) 4 weeks after implantation; (D) 6 weeks after implantation; (E) 8
weeks after implantation. The scale bar indicates a distance of 50 μm in (A), (C), and (D), and a 25 μm in (B) and (E)
[13].

Also in this author’s own group, a series of bone repair materials were fabricated by adding
three chitosan derivatives, such as phosphorylated chitin (P-chitin), phosphorylated chito‐
san (P-chitosan), and disodium (1→4)-2-deoxy-2-sulfoamino-β-D-glucopyranuronan (S-chi‐
tosan) into two kinds of biodegradable calcium phosphate cements (CPCs). All the chitosan
derivatives can greatly improve the mechanical properties and reduce the biodegradation
rates of the CPCs. At least six totally different tissue responses were detected when the im‐
plants were examined in tibial and radial defects of rabbits. Large bone defect (9 mm in
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length for radii and 3 mm in depth and diameter for tibias) repair in rabbits with the P-chi‐
tosan incorporated CPCs exhibits excellent tissue compatibilities with no any adverse or
negative effects, such as fibrous encapsulation, osteolysis, hyperplasia, and inflammation,
no matter the concentrations of P-chitosan is high or low (Figure 6) [128,129]. Tissue re‐
sponses to P-chitin are highly sensitive (Figure 7) [130,131]. Three different bone formation
types in the resorption lacuna of the P-chitin incorporated CPCs due to the P-chitin concen‐
trations were found during the 22 weeks implantation. The first is that with low P-chitin
content trabeculae formed directly from the implant (Figure 7A). The second is that with
middle P-chitin content cartilages formed from the outside of fibers before they turned into
trabeculae (Figure 7B, 7C). The third is that with high P-chitin content callous formed from
the outside of fibers before they turned into trabeculae (Figure 7D, 7E). P-chitin content has
a negative relationship with the biodegradation rate of the cements. However, the degrada‐
tion rates are compatible with the ingrowth of trabeculae. A mild foreign-body reaction in
the high P-chitin content sample during the first three time spans did not impair its place‐
ment by a newly formed bone. The generally properties of these biomaterials have met the
main requirements for bone repair (Figure 7) [130,131]. Different from the above mentioned
bone repair types, tissue responses to water-soluble S-chitosan, prepared from chitin by suc‐
cessive N-deacetylation, specific carboxylation at C-6 and sulfonation, was rather obtuse. No
inflammation or other negative response was found in the S-chitosan containing samples (S-
CPCs). After 4 weeks implantation, newly formed trabeculae contacted with the implant di‐
rectly in the lower S-chitosan sample, while a thin layer of fibers formed between the newly
formed bone and the implant in the higher S-chitosan samples [132,133]. These results indi‐
cate that the concentrations and functional groups in a linear polysaccharide play a key role
in determining the ultimate biocompatibilities of an implantable biomaterial. In addition, as
a derivative of chitin, chitosan initiates blood coagulation while S-chitosan inhibits blood co‐
agulation when they are used as hemo-contact biomaterials.

Recently, chitosan and its derivatives have been widely used in skin wound, burn and dis‐
ease treatments. For instance, a chitosan-gelatin-hyaluronic acid scaffold was found flexible
with good mechanical properties when it was used as artificial skin substitutes [134]. A bac‐
terial cellulose synthesized by Acetobacter xylinum and modified by chitosan was found to
be optimal in providing wound dresses with a moist environment for wound healing [135].
When an artificial chitosan skin regenerating template was implanted subcutaneously it
showed a similar inflammatory pattern as Integra, a two-layer skin regeneration system,
constructed of a matrix of crosslinked fibers [136,137].

With the combination with other natural polymers, such as collagen, gelatin, hyaluronan, fi‐
brin, the strong host inflammation reactions of chitosan can be reduced to a certain degree.
It was found that a bioactive glass-chitosan composite containing 17% (wt%) chitosan pro‐
duced by a freeze-drying process and implanted in the femoral condyl of an ovariectomised
rat can promote a highly significant bioactive and osteoinductive property [138-140]. The ul‐
timate biocompatibility of a chitosan compound depends largely on the ratio of the different
components. Host tissues, such as smooth muscle and hepatic tissue have a similar response
to the chitosan containing collagen/chitosan mixtures [141]. A collagen/chitosan matrix
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crosslinked by agent 1-ethyl-3-(3-dimethylaminopropyl)-carbodiimide in a N-hydroxysucci‐

nimide and 2-morpholinoethane sulfonic acid buffer system has exhibited improved blood

and cell compatibilities than the pure chitosan samples [142,143].

Figure 6. Tissue responses to the P-chitosan incorporated CPC specimen at different time points with MT staining. (A)
1 week after implantation in the high P-chitosan content (0.12 g/mL) sample with very little hematoma. (B) 4 weeks
after implantation in the high P-chitosan content (0.12 g/mL) sample newly formed woven bone clearly appeared
with tightly bonding between the implant and host bone. No macrophage was found around the implant. The im‐
plant was directly changed into new trabeculae after degradation. (C) 12 weeks after implantation newly formed long
bone in the low P-chitosan content (0.02 g/mL) sample. (D) 12 weeks after implantation newly formed long bone in
the middle P-chitosan content (0.07 g/mL) sample. (E) 12 weeks after implantation newly formed long bone in the
high P-chitosan content (0.12 g/mL) sample. Trabeculae formed after the implant was gobbled up (infiltrated) by
body fluid. Clear evidence of remodeling around the implant surface was displayed. (F) 22 weeks after implantation
the newly formed dense trabeculae in the high P-chitosan content (0.12 g/mL) sample [129].
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Figure 7. Tissue responses to the P-chitin incorporated CPC specimen 4 weeks after implantation. (A) P-chitin: 0.02
g/mL with MT staining. Magnification ×100. (B) P-chitin: 0.08 g/mL with MT staining. Magnification ×40. (C) A magni‐
fication of (B) with MT staining. Magnification ×400. (D) P-chitin: 0.14 g/mL with MT staining. Magnification ×40. (E) A
magnification of (D) with HE staining. Magnification ×400 [131].

Current advances in some drug delivery systems make it possible to improve the therapeu‐
tic efficacy and minimized the side effects associated with toxicity of the drug. Chitosan has
shown promise in the development of non-parenteral delivery systems for challenging
drugs. For example, a 5-Fluorouracil (5-FU) loaded scaffold composed of chitosan fibers
were prepared by a modified wet spinning technique [144]. Thermosensitive hydrogel com‐
posed of chitosan and glycerophosphate is proposed to be the potential candidate of in situ
gel-forming implant for long-term drug delivery [145]. However, unpredictable body re‐
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sponses to the chitosan systems as stated above can complicate their applications to some
degree. The composite chitosan-collagen-soybean phosphatidylcholine film impregnated
with MMC-PLA-nanoparticles for treatment of hepatocellular carcinoma in mice has exhib‐
ited some special characteristics compared with pure chitosan delivery systems. In vivo, the
growth of the tumors were inhibited considerably and dose-dependently by the MMC-film
(P<0.05) with no any signs of vice reactions, such as inflammation, infection, and fibrous en‐
capsulation after 20d of implantation [16,146,147]. Thus a careful balance between the im‐
mune reaction and drug effectiveness is needed when a chitosan pertaining template is used
for biomedical applications.

10. Polyglycolide (PGA), Polylactide (PLA) and poly(Lactic-co-Glycolic
Acid) (PLGA)

Polyglycolide also named polyglycolic acid (PGA) is a biodegradable, thermoplastic poly‐
mer and the simplest linear, aliphatic polyester which contains the ester functional group in
it’s main chain [148]. It can be prepared starting from glycolic acid by means of polyconden‐
sation or ring-opening polymerization. PGA has been known since 1954 as a tough fiber-
forming polymer. Owing to its hydrolytic instability, its use has initially been limited [149].
In vivo, PGA initiates a marked host reaction around the implantations. This leads to the de‐
velopment of a foreign body response that comprises an initial acute inflammatory phase
and a subsequent chronic inflammatory phase. For example, when a synthetic PGA scaffold
seeding with adult-derived or somatic lung progenitor cells from mammalian lung tissue
was implanted in an immunocompetent host, a serious foreign body response totally altered
the integrity of the developing lung tissue [150].

Polylactic acid or polylactide (PLA) is another thermoplastic aliphatic polyester derived
from renewable resources, such as corn starch, tapioca products, and sugarcanes [30]. A
poly(L-lactide) (PLLA) coil stent has ever been implanted in pigs with no stent thrombosis
and late restenosis [151]. However, PLA, as well as PLLA, and poly(D,L-lactide) (PDLA), in‐
duces a strong inflammatory response when they are implanted in the body due to their
acidic products [152]. Aframian and coworkers implanted tubular PLLA, PGA coated with
PLLA (PGA/PLLA), or nothing (sham-operated controls) in Balb/c mice either beneath the
skin on the back, and found that inflammatory reactions were shorter and without epithe‐
lioid and giant cells in the sham-operated controls. Tissue responses to PLLA and PGA/
PLLA scaffolds are generally similar in areas subjacent to skin in the back and oral cavity.
Biodegradation proceeded more slowly with the PLLA tubules than with the PGA/PLLA tu‐
bules. No significant changes in clinical chemistry and hematology were seen due to the im‐
plantation of tubular scaffolds. [153]. It was reported that, after the PLLA segments were
swallowed in vivo by phagocytes, cell damage and cell death were obvious. The highest
numbers of necrotic cells were observed on day 2 [154]. These reactions can result in an un‐
expected risk for patients and have strongly limited in clinical applications of this kind of
biomaterials.
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To date, numerous strategies have been investigated to overcome body reactions induced by
this kind of biomedical devices [155]. As a result, most of the PLA, PLLA, and PDLA have
been used as a composite or compound with some other biomaterials. For example, a PLLA
and poly(ethylene oxide) (PEO) blend has been prepared by mechanical mixture and fusion
of homopolymers [156]. A biodegradable star-shaped 8 arms PEG-b-PLLA block copolymer
was synthesized by Nagahama and coworkers to create a novel implantable soft material
with drastically lowered crystallinity, increased swelling ability, and desirable mechanical
properties [157,158].

Currently PGA, PLA and their copolymers, such as poly(lactide-co-caprolactone) (PLCA),
poly(glycolide-co-caprolactone) (PGC), and poly (glycolide-co-trimethylene carbonate) are
widely used as biomaterials for the synthesis of absorbable sutures and tissue engineering
scaffolds in the biomedical field [159,160]. For example, a resorbable PLGA bone fixation im‐
planted in craniofacial patients in 1996 resulted in 0.2 percent significant infectious compli‐
cations, 0.3 percent device instability, and 0.7 percent self-limiting local foreign-body
reactions [161]. As long-term implants, the toxicity of the accumulated acidate products
made the situations even worse [162]. Until the present, most of the implanted PGA, PLA
and PLGA related biomaterials still encounter an immune tissue response due to tissue trau‐
ma during implantation and the presence of foreign body reactions [163]. Surface coating
has become one of the research hot points for the implantable devices with poor biocompati‐
bilities. For instance, the biocompatibilities of some artificial polymer devices, such as heart
valves, stents and vascular prosthesis that come into contact with bodily tissues or fluids
particularly blood, have been improved by Venkatraman and coworkers with endotheliali‐
zation surface layers [164,165].

Similarly, when a polyvinyl acetate (PVA)/PLGA microsphere was implanted into the sub‐
cutaneous tissue of rats, acute inflammation with neutrophils was found at day 3. Chronic
inflammation with multinucleate giant cells, fibrosis, and mixed inflammatory cells was
found at day 30. Mineralization around the implant was found at day 60 [166]. On the con‐
trary, a dexamethasone/PLGA microsphere system can suppress the inflammation reaction
by a fast releasing of dexamethasone [167]. A highly monodisperse and smooth PLGA-pacli‐
taxel microspheres against malignant brain tumors were fabricated using an electrohydro‐
dynamic atomization (EHDA) process [168]. In addition, PLA, PGA and PLGA can be
tailored to meet mechanical performance and resorption rates required for applications
ranging from non-structural drug delivery applications, nanoparticles (nanofibers), to re‐
sorbable screws and anchors [169,170].

11. Polycaprolactone (PCL)

Polycaprolactone (PCL) is a biodegradable polyester with a low melting point of around
60°C and a glass transition temperature of about −60°C. It is commonly used as an additive
for resins or starch to improve their processing characteristics, lower their costs, and change
their properties (e.g. impact resistance), or as a plasticizer in the manufacture of special pol‐
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ymers (e.g. Pus) [30]. PCL has been approved by the FDA for specific applications, such as a
drug delivery devices, sutures, or adhesion barriers. It has been widely used as a scaffold
material for tissue engineering with mismatched mechanical properties and slow degrada‐
tion rate [171,172]. In rats the in vivo degradation of PCL is about 3 years [173].

Various categories of drugs have been encapsulated in PCL, in microsphere, nanosphere or
bulk states, for targeted drug delivery and for controlled drug release [174-176]. For exam‐
ple, a PCL scaffold modified by grafting nerve growth factor (NGF) and Tirofiban (TF) has
been used as nerve conduits to promote the regeneration of sciatic nerves [177]. Low molec‐
ular weight PCL pieces can be ingested and digested ultimately by phagocyte and giant cell
without any cumulate vice-products (Figure 8) [178-180].

Figure 8. Micrographs illustrating extracellular degradation of biomaterials by macrophage fused multinuclear giant
cells. (A) A foreign body giant cell (FBGC) engulfed a fragment of poly(epsilon-caprolactone), PCL polymer in vivo. Nu,
nuclei of FBGC. The PCL polymer was dissolved during sample preparation. Transmission electron microscopy (TEM),
bar = 2 μm. (B) In situ cross-section of the interface between a multinuclear giant cell (MnGC) and PLGA film. Note the
pseudopodia of the MnGC penetrated deep inside the surface of PLGA film and formed sealed compartments. PLGA
polymers are eroded within the compartments. Focused ion beam (FIB) microscopy, bar = 5 μm. (C) In situ cross-sec‐
tion of the interface between an osteoclasts-like cell (OC) and calcium phosphate cement. Note the typical ruffled
board of OC and vesicles (V) secreting from OC to the sealed extracellular space. FIB microscopy, bar = 2 μm [162].

12. Polyurethane (PU)

PU is a series of biomaterials that contains urethane radical and offers the greatest versatility
in compositions and properties of any family of polymers. Especially, a few specific elasto‐
meric PU compositions have demonstrated a combination of toughness, durability, biocom‐
patibility and biostability for being used as implantable medical devices, which is not
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achieved by any other available materials [181]. Because urethane is available in a very
broad hardness range (e.g. eraser-soft to bowling-ball-hard), it allows the engineer to replace
rubber, plastic and metal with the ultimate goals in abrasion resistance and physical proper‐
ties. During the last half century, PUs have become and remained the most valuable im‐
plantable elastomers for uses requiring toughness, durability, biocompatibility and
biostability [182]. With their inherently stable in the body environment, some of the PUs
have been widely used in medical applications such as synthetic heart valves, vascular
grafts, and pacemaker electrodes. However, these usages of PUs have been limited by three
major complications: calcification, thrombosis, and chemical degradation [183].

In the 1970s and 1980s as the PUs became recognized as the blood contacting material and
were used in a wide range of cardiovascular devices in long-term implants, they fell under
scrutiny with the failure of pacemaker leads and breast implant coatings in the late 1980s.
According to the manufacturer's report, high voltage coil fracture and PU defects were the
predominant causes of lead failure [184,185]. During the next decade PUs had been exten‐
sively researched for their relative sensitivity to biodegradation and the desire to further un‐
derstand the biological mechanisms for in vivo implantation [186,187]. Some investors have
seeded autologous sheep blood outgrowth endothelial cells (BOECs) on a cholesterol (Chol)-
modified PU (PU-Chol) heart valve leaflet to result in an intact, shear-resistant endothelium
that would promote resistance to thrombosis [188]. Because of the complex behavior of im‐
plantable PUs in the body environment, special attention to the choice of the constituted
components must be paid for designing and manufacturing the PU-containing devices. Sub‐
sequent treatment during sterilization, storage, implantation, in vivo operation and explanta‐
tion also determine the performance and provide the means for assessing the efficacy of the
PUs implants [189].

The most prominent disadvantages of PUs being used as artificial heart valves include min‐
eralization, environmental stress-cracking and oxidation. While the mechanisms of these
forms of degradation are not fully understood, an awareness of their causes and effects that
leads to all of the long-term functionality is required for the sophisticated PU-based devices
of today and tomorrow [190-191]. Over the last half century, extremely efforts have been
paid in the biomedical research field to improve the biocompatibilities and biodurability of
the PU implants, but only resulted in very little clinical effects [192-194].

In the later l990s a number of new bioresorbable materials with all the versatility of PUs in
terms of physical properties and biocompatibility have been yielded. AorTech Biomaterials
was set up in 1997 to commercialise a range of medical grade PUs developed by the Austral‐
ian research group (Commonwealth Scientific and Industrial Research Organization,
CSIRO). The company estimates that the worldwide market for surgical heart valve prod‐
ucts is worth more than $1bn (€705 m) and to be growing at a rate of 8% a year. Meanwhile,
the market for catheter-delivered heart valves is worth around $200 m (€141 mm) [195]. In
the authors’ own group in Tsinghua University, China, a novel PU made of PCL, PEG, and
1,6-hexmethyldiisocyanate has been synthesized. The hydrolytic degradation property of
the PU can be highly tuned by changing the composition and structure of copolymers, such
as PEG and PCL. When this kind of PU was used as a small-caliber (1.2 mm inner diameter)
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vein and nerve repair grafts it demonstrated excellent antithrombogenicity and superior bio‐
compatibility (Figure 9) [196,197].

Figure 9. An implantable small-diameter nerve and blood vessel repair PU conduit. (A) PU conduits with different in‐
ner diameters. (B) The PU conduit was connected to the vein of a rabbit. (C) The vein defect repair processes with a
very thin layer of fibrin-platelet deposition. (D) The nerve repair processes in rabbits with growing myelinated axons.
(E) The PU conduits degraded gradually in vivo in 12 weeks [196, 197].

13. Polytetrafluoroethylene (PTFE)

Polytetrafluoroethylene (PTFE), Discovered in 1938 by Roy J. Plunkett, is a synthetic high-
molecular-weight compound consisting wholly of carbon and fluorine with numerous ap‐
plications [198]. The best known brand name of PTFE is Teflon made by DuPont Co. It is
insoluble in all normally used organic solvents, not biodegradable in vivo and can suffer
high temperatures as 260 ℃ permanently. Clinically, PTFE has been widely used as a large
blood vessels repair materials.
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A 5 year research using PTFE-Gore-Tex grafts mainly for superficial femoral occlusion has
been conducted. The majority of the grafts were inserted in an elderly poor risk group of
patients with critical ischaemia of the lower limb. The overall cumulative patency at 2 years
was 29% falling to 18% at 5 years. Perioperative angiographic indicated that inflammatory
reaction is the only risk factor significantly affecting the cumulative graft patency. The pres‐
ence of diabetes was found to have a significant detrimental effect on limb salvage [199]. A
permanently implantable left ventricular assist device, made of Dacron velour, Teflon felt,
and Teflon-coated polyester fiber sutures, has been tested in chronic animal experiments. In
vivo experiments demonstrated that all components elicited mild to moderate inflammatory
reactions. Tissue responses to PTFE are rather passivated. Hematocele occurred only when
the components were implanted in the aorta with direct blood contact and exposed to arteri‐
al blood pressures [200]. An 8 cm long PTFE prosthesis was implanted into defects of the
abdominal aorta of dogs, and the following changes were found: the blood flow through the
vascular prosthesis induced a shortening of the blood clotting time and a slight increase in
the prothrombin consumption. It has a favourable effect of the sealing of pores in the pros‐
thesis and covering its internal surface with a fibrin membrane [201].

14. Silicone

Silicon is a metal in the same column as carbon in the periodic table with the symbol Si
and atomic number 14 [30].  It  is  the most  abundant element on earth and does not oc‐
cur  naturally  in  its  pure  metallic  state.  Dimethylsiloxane is  the  building block for  most
medical-grade  silicone  products,  including  breast  implants.  This  FDA  Grade  Silicone
sheeting is  commonly used in applications where food or  consumables  are  present.  For
more than 20  years  silicone miami breast  implants  have gone through a  lot  of  changes
since their first  uses.  After the mid-1980s many reports concerns the rupture rate of the
thinner-shell  products,  the  risk  of  subsequent  breast  cancer,  and  the  connective-tissue
diseases or symptoms in women with silicone gel-filled breast implants appeared. In the
United States a moratorium (in place since 1992) on the use of these prostheses has been
maintained by the pressure of overwhelming litigation. At the same time, Australian au‐
thorities also restricted the availability of silicone breast implants. Huge damages award‐
ed by United States  courts  forced Dow Corning,  manufacturer  of  a  large  percentage of
breast prostheses, to file for Chapter 11 bankruptcy in May 1995 [202].

As with any implantable medical devices or drugs, the risk of possible adverse effects must
always be weighed against the ability to provide benefits. A great deal of safety research
combined with more than 40 years of clinical experience has proven the efficacy and relative
safety of the silicone gel breast implants. A rough estimate of implant shell rupture rate is
~10% at 10 years with both biocompatibility and biodurability problems [203]. A fibrocon‐
nective tissue capsule was found around all the samples [204]. The capsule formed around
implanted mammary prosthesis is highly differentiated and organized, consisting of three
layers: interface layer in three variations, intermediate fibrous layer of dense rough collagen
fibers and light elongated cells with oval nucleus between them and adventitious layer. Be‐
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tween the fibers of the interface and the middle strata intra- and extracellular silicone drop‐
lets and bulks were observed, representing the location where further pathological
processes can take place [205]. It is said by Dr. Sidney Wolfe, director of Public Citizen's
Health Research Group, in a statement that: "Public Citizen continues to oppose the FDA's
2006 decision to return silicone breast implants to the market for cosmetic use in women for
augmentation. The agency's newer information about the risk of implant-associated lym‐
phoma and the previously known risks are serious enough to warrant advising women
against having these implanted.”

On March 9, 2012 a new silicone breast implant, which joins the two other silicone breast
implants on the market - one made by Allergan and the other by Mentor, was approved by
the FDA of the United States of America. Recommended monitoring after initially silicone
breast implantation is 3 years and then every two years thereafter. In a review Roach and
coworkers concern the importance of length and time on physicochemical interactions be‐
tween living tissue and biomaterials that occur on implantation. The review provides de‐
tailed information on material host interactions, dynamic material/cell surface states, surface
chemistry and topological roles during the first stage of implant integration, namely protein
adsorption. Generally, after the first contact of material with host tissue a state of flux due to
protein adsorption, cell adhesion and physical and chemical alteration of the implanted ma‐
terial is followed (Figure 10) [206]. This model can answer many questions concerning the
conformational form and bound proteins and therefore has instruction meanings in new im‐
plantable biomaterial design field.

Figure 10. Schematic of protein–surface interactions: Chemistry—adsorption onto biotinylated stripes which appear
white, whilst adsorption is hindered on square oligoethylene-glycol regions, the white box shows an intentionally
bleached area Topography—albumin adsorption onto hydrophilic silica spheres of varying dimensions as a model of
surface curvature [206].
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Beside the breast implants a silicon-silk transistor about one millimeter long and 250 nano‐
meters was created. So far the technique has been tested on mice with no adverse effects.
Electrical, bending, water dissolution, and animal toxicity studies suggest that this approach
might provide many opportunities for future biomedical devices and clinical applications
[207]. A silicone catheter attached to a 2-5 x 1-3 cm stainless steel chamber with a self sealing
injection port had been intravenously for antimicrobial chemotherapy. Peripheral venous ac‐
cess had become unsatisfactory in all of patients, and six had required central venous cathe‐
terisation [208]. More recently, a silicon-based neural probe with microfluidic channels was
developed [209].

Origins of controlled release of implantable drug delivery dates back to 1964 when silicone
implants were used to prolong a drug effect. Over 40 years, the progress to a safe, effective
and acceptable implant system has been slow. The critical factors in implant research which
need to be addressed include: erodibility, reproducibility, lack of irritation and carcinogenic‐
ity, lack of dose dumping, duration and pulses. While it is possible to surgically implant and
remove drug-containing devices or polymeric matrices, the requirement for such interven‐
tion could have a significant negative impact on the acceptability of a product candidate. In
recent years, two implant systems have been approved for human use; (a) a silicone-based
device (NorplantR), and (b) a system based on lactide/glycolide copolymers to release a lutei‐
nizing hormone - releasing hormone (LHRH) agonist for treatment of male reproductive
tract tumours. This drug delivery approach is very appealing for a number of classes of
drugs, particularly those that cannot be given via the oral route, and drug candidates whose
therapeutic index is relatively large [210].

15. Aluminium (or aluminum) and ceramics

Aluminium (or aluminum) is the third most abundant chemical element (after oxygen and
silicon in the boron group) with symbol Al and atomic number 13. It is one of the typical
metals which has been widely used as hard tissue repair materials with unique properties,
such as strong mechanical strength, not soluble and degradable in body fluid under normal
circumstances, combined in over 270 different minerals, low density (weight) and corrosion
resistances [211]. It is generally accepted that metallic implant materials with higher
strength/modulus ratios are more favorable for hard tissue repair due to a combined effect
of high strength and reduced stress-shielding risk [212].

Al alloys, such as Al-silicon (Si), Al-platinum, and Al-titanium (Ti) are widely used in im‐
plantable engineering structures and components where light weight or corrosion resistance
is required except for blood-contacting surfaces [213,214]. For example, an implantable dou‐
ble-sided electrode microdevices, called flexible nerve plates, with a prototype of Al layer
could reduce the number of insertion sites and thereby the insertion trauma during implan‐
tation of neural prostheses [215]. A Ti-6Al-4vanadium (V) alloy was selected as the ceramic-
to-metal seal because its excellent mechanical properties and favorable biocompatibility
[216]. The first-generation of implantable left ventricular assist devices (LVADs) were Ti-Al-
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vanadium alloy pulsatile, volume-displacement pumps. The modern LVAD era began with
the introduction of the HeartMate X (vented electric) VE in 1998 [217]. These devices can
provide excellent circulatory support and improve survival until heart transplantation.
However, they have many application limitations, such as a large volume, an excessive sur‐
gical dissection, a large diameter driveline, a noisy pump operation, and particularly a limit‐
ed mechanical durability. Other complications include bleeding, infections and
thromboembolic events. During the succeeding decade, vast improvements in pump design
resulted in a new crop of LVADs, whose attributes are transforming LVAD therapy into a
kind of standard of care for end-stage heart failure [218]. LVAD therapy has now evolved
into a solution which is strikingly superior to optimal medical therapy [219, 220].

It was reported that changes in the porous hydroxyapatite and Al oxide orbital implant den‐
sities may correspond to healing and maturation of soft tissues surrounding and penetrating
the implants [221]. The thermal oxidation behavior of Al ion implanted Ti nitride films has
been studied in dry oxygen atmosphere and found that Al implantation caused the oxida‐
tion rate of TiN films to slow down at the initial stage of oxidation [222]. Until recently,
there is limited evidence regarding comparative effectiveness of various hip implant bear‐
ings, especially metal on metal or ceramic on ceramic implants compared with traditional
metal on polyethylene or ceramic on polyethylene bearings [223].

For clinical applications, it is an important character that the metal devices do not cause
mental or body uncomfortable reactions, such as delaminate or infiltrate ions to the sur‐
round tissues. For example, a defibrillator is a medical device that generates and delivers a
shock to the heart of someone in cardiac arrest. Although this device can save lives, there are
risks involved, for both the patient and the first responders. One risk associated with defib‐
rillator use is that of burns. Certain transdermal medication patches contain aluminum back‐
ings, and when they come in contact with the defibrillator paddle, can cause minor burns to
the patient. Accidental shocks to others can occur when first responders accidentally contact
with the patient who is being defibrillated. The only objects that should touch the patient
during treatment are the defibrillator paddles held by the administrator of the procedure.
Sometimes internally implanted defibrillators discharge shocks when they are unnecessary.
When this occurs, it can cause pain and promote a dangerous heart rhythm. In addition, the
event can be emotionally disturbing and frightening. Doctor can recalibrate the device to
minimize the risk of additional unnecessary shocks, and offer suggestions on how to man‐
age these rare events [224].

A ceramic is an inorganic, nonmetallic solid material possessing strong mechanical proper‐
ties prepared by the action of heat and subsequent cooling [30]. The uses of ceramics have
been revolutionizing the biomedical field in deployment as implants for humans during the
past three decades. In the search to improve the biocompatibility and mechanical strength of
skeletal implant materials, attention has been directed towards the potential use of ceramic
composites [225]. Since 1975 alumina ceramic has proven its bioinertness and have been ac‐
cepted in biomedical applications, some alumina ceramic, such as Al2O3 has been character‐
ized with high hardness and high abrasion resistance. Noiri and coworkers evaluated the
biocompatibility of alumina-ceramic material histopathalogically for eight weeks by im‐
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planting in the eye sockets of albino rabbits with no signs of implant rejection or prolapse of
the implanted pieces. After a period of four weeks of implantation, fibroblast proliferation
and vascular invasion were noted. By the eighth week, tissue growth was observed in the
pores of the implants [226].

Figure 11. Scanning electron microscopy (SEM) images of SaOS-2 cells cultured for 48 h on micropatterned Ti (A-D)
and diamond-like carbon (DLC) (E, F) surfaces. Large-sized (125 µm) squared (A) and circular (B) features facilitated the
adhesion of several cells on one Ti island with the cells aligning themselves along the edges of the cell-friendly materi‐
al. The cells adhering to mediumsized Ti islands no longer conformed strictly to the geometrical shape of the patterns
(C) but particularly on circularly patterned surfaces, star-like cellular morphologies appeared (D). On small-sized in‐
verse DLC samples, the cell bodies non-selectively covered large micro-patterned areas (E), but their filopodia clearly
showed a preference for DLC trying to avoid bare Si circles (F) [222].
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16. Conclusion remarks

Biocompatible is a vital important aspect for an implantable biomaterial. Among the numer‐
ous types of host responses to a broad spectrum of biomaterials, those with no adverse or
negative effects, such as, fibrous encapsulation, osteolysis, hyperplasia, and inflammation
are among the most expectant ones. As advances are made in biomaterial science and tech‐
nology, new implants/medical devices will be continually explored, alternatives to conven‐
tional implants will become more and more effective, and hence more and more attractive.
In an effort to provide the best clinical outcomes for the patients, we need to develop the
best candidates with minimum invasive surgery times and unnecessary health risks. In the
future, design and manufacture immuno or low-immuno implantable biomaterials accord‐
ing to or mimicking the patients’ own ingredients, such as blood components, ECMs, tissues
and organs, will be possible. For an implantable biomaterial biocompatibility should be al‐
ways put into the primary importance position no matter it is used as a temporary scaffold,
a permanent template, or a drug delivery vihicle.
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1. Introduction

Tissue and organ failure treatments include drug therapy, surgical repair, medical devices
but they do not always provide satisfactory restoration of organ function.

At present transplants represent an actual solution in treating organ failure once overcom‐
ing immunological rejection even though its application is largely affected by the paucity of
available donors.

In the vascular field, currently, the best graft performance is given by saphenous vein auto‐
grafts [1] whose main failures are related to thrombosis development, emboli production,
and intimal hyperplasia. Synthetic non-bio-resorbable vascular prosthesis (such as Dacron®

or extended-PTFE) exhibited very low incidences of thrombosis or hyperplasia and showed
good clinical results in medium- and large-diameter graft sites.

Strategies based on polymeric materials (synthetic or natural) appear to be a valid alterna‐
tive for the production of tissue graft materials. However, synthetic polymers are not able to
induce any biological response leading to tissue regeneration, due to the lack of biomimetic
activity. On the contrary, natural biodegradable polymeric supports, resembling extracellu‐
lar matrix component, can provide a useful platform in tissue engineering and regenerative
medicine applications [2-5].
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Among them, chitosan (CS) a biodegradable [6], non-amphiphilic polymer of D-glucosamine
obtained by partial de-acetylation of chitin [3], has shown interesting properties including bio-
mimetism due to the similarity of is structure with that of glycosaminoglycanes [4].

Kind et al. [7] reported that it promotes plasma protein adsorption, platelet adhesion and ac‐
tivation, and thrombus development [8]. The positive charged CS surface induces a great
degree of platelet adhesion. In fact, the Food and Drug Administration approved its use as
haemostatic dressing for reducing haemorrhage [9-11]. Furthermore, it has been reported
that the negatively charged-modified surface of CS prolongs clot formation after re-calcifica‐
tion of plasma [12].

Up to now, few data, often conflicting, on the haemocompatibility of negative charged-
modified surfaces of CS films are available[11,12].

In a previous work [13] we developed novel CS hydrogel prepared in the presence of phos‐
phate salts and relatively high amount of disaccharides such as D-(+)raffinose or D-(+)sac‐
charose and investigated the physico-chemical characteristics as well as the
cytocompatibility of films obtained with this hydrogel. These sugars were not retained in
the final structure of the film but were able to act as viscosity modifiers during the solidifica‐
tion/gelation process. The interference of salts and disaccharides resulted in smooth, amor‐
phous film with improved hydrophilicity and cytocompatibility compared to CS films
produced with the same procedure but in low viscosity milieu. Differentiated human cells
showed a great affinity for these sugar-modified chitosan (smCS) films, thus suggesting
their candidature as promising biomaterial for tissue regeneration and repair.

The aim of the present study was to investigate qualities and aspects of the haemocompati‐
bility (platelet activation, haemolysis and activation of coagulation cascade) of smCS films
produced according to Bettiniet al. [13]. Moreover, the cytotoxicity of fragmented smCS was
investigated in view of its bio-resorbability.

These films were compared to materials able to activate platelets and induce thrombus for‐
mation such as plastic (standard polystyrene for cell culture) and glass (cover slips) as well
as a material able to trigger cell death such as latex.

2. Methods

2.1. Production of sugar-modified chitosan films

Chitosan solution was prepared as described in [13]. Briefly, four grams of chitosan powder
(Chitosan 95/50 HMC+, Germany) were dissolved in a 1% (w/v) acetic acid aqueous solution
until complete dissolution. Dibasic sodium phosphate (7.5 mM), sodium dihydrogen phos‐
phate (22 mM), potassium dihydrogen phosphate (1.5 mM), sodium chloride (125 mM) and‐
potassium chloride (2mM) were then sequentially added. The solution was filtered under
vacuum using a 0.8 μM filter. Finally, D-(+) raffinose pentahydrate (290 mM) or D-(+) su‐
crose (290 mM) were added to the solution and allowed to dissolve for 2 hours under gentle
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stirring. About one mL of this solution was poured into a circular mould (1 cm diameter)
and dried at 45 °C for 45 minutes in a ventilated oven. The obtained dry film was placed in a
5% (w/v) KOH aqueous solution for 12 hours then, washed in distilled water until neutrality
of the wash water.

2.2. Wettability

Contact angle measurements were performed at room temperature with a goniometer (AB
Lorentzen & Wettre, Germany) on the surface of smC film in comparison to glass cover slip
and plastic (standard polystyrene culture plates) to evaluate the wettability of the surface.
Briefly, a drop (4 μL) of human serum was placed on the surface of the specimen. Images of
the serum drop were recorded within 10 seconds of deposition by means of a digital camera
(FinPix S602 Zoom, Fuji film, Japan). Digital pictures were analysed by ImageJ 1.43v soft‐
ware (NIH, USA) for angle determination. At least five measurements, taken at different po‐
sitions on each specimen, were carried out on both left and right side of the drop and
averaged.

2.3. Atomic force microscopy

Atomic force microscopy (AFM) images of the films were analysed by AFM Nanoscope IIIA
(Digital Instruments Inc., USA). Point probe silicon cantilever tip was used in contacting
mode by the accompanying software to determine the surface roughness of investigated
surfaces. The roughness parameters of each sample was evaluated on three scanned areas of
10μm x 10μm each.

2.4. Procurement and processing of blood perfusates

This procedure was conducted in accordance with the tenets of the Declaration of Helsinki.
Following the indication of Italian DLgs no.196/03 (Codex on Privacy) in order to guarantee
the respect of the privacy of the patients and the confidentiality of the donors’ information.
Blood (3.5-4 mL/test) was drawn by venipuncture from four healthy volunteers and added
with tri-sodium citrate (0.109 M, 3.2% final concentration) in a 9:1 volumetric ratio to pre‐
vent coagulation. Whole blood was used for the haemolysis and thrombus formation tests.

Platelet-rich plasma (PRP) was obtained by centrifugation (400xg for 10 minutes, at room
temperature) while platelet-poor plasma (PPP, platelets less than 10.000/μL) by centrifuga‐
tion at 2000xg for 20 minutes at room temperature.

Coagulation- and factor XII-assays were performed with platelet-poor plasma isolated from
whole blood. For platelet function studies, PRP was volume adjusted with PPP to obtain a
final physiologic stock platelet count of 3 105 platelets μL-1.

2.5. Cell proliferation

Human endothelial cells derived from foetal umbilical vessels (HUVEC) were provided by
the American Type Culture Collection (Rockville, MD, USA). Cell monolayer were cultured
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in complete medium (D-MEM containing antibiotics and 10% foetal calf serum) supplement‐
ed with 50 μg mL-1 of endothelial cell growth factor (Sigma-Aldrich, USA) and kept in a in‐
cubator at 37 °C in a water-saturated atmosphere with 5% CO2. Endothelial cells were
seeded onto smCS films as well as on tissue culture plates (TCPS, Corning, USA) or glasses
(20x20 mm, ForLab, Carlo Erba, Italy,) at a density of 1–2.5 104 cells cm-2 in 24-well plates.
After 1, 3 and 7 days, the monolayer was rinsed twice with phosphate buffer solution, PBS,
and cells detached from the substrate by 0.02% trypsin in PBS. The number of adherent cells
was then, counted with a Burkerhaemocytometer.

2.6. Cell morphology

For morphological characterization, endothelial cells cultured on smCS films were examined
by contrast-phase microscopy. After 7 days, the cell monolayer adherent to the film was
gently washed with PBS three times. Then, the film was fixed with 2.5% glutaraldehyde in
PBS for 1 h at 4 °C. After thorough washing with PBS, the cells were dehydrated through
graded alcohol series and positioned under the microscope (Zeiss AxioPhot, Germany) for
observation and image recording (Zeiss AxioCam, Germany).

2.7. Cytotoxicity test

Endothelial cells were grown until confluence. The smCS films was cut in small pieces (0.5x0.5
mm) and placed in direct contact with the cell layer for 72 hours. Cells were detached and the
resulting suspension was counted in a Burkerhaemocytometer after proper dilution.

Duplicate cell counts on each suspension from 3 culture wells were performed for each sub‐
strate investigated. Not less than 50 cells were scored for each counting. Counts from tripli‐
cate seeding differed by not more than 10% among replications throughout the experiments.

2.8. Haemolysis assay

Two positive controls, copper and deionised water, and a negative control, glass cover slip,
were used in this study, SmCS films were dried and washed three times with PBS and then
sterilized by soaking in 75% (v/v) ethanol for 15 minutes. Then, washed 5 times in sterile PBS
and kept in the same buffer until use. Thereafter, the samples were put in vacutainers contain‐
ing sodium citrate (0.109 M, 3.2% w/v final concentration) (Greiner Bio-One International AG,
Austria) in which 3.5 mL of healthy volunteers blood was finally collected. The substrates were
incubated with blood at 37 °C, with gentle shaking twice every 30 minutes. After 3 hours, 1.5
mL of each vacutainer was centrifuged at 740xg for 10 minutes at room temperature. The ob‐
tained pellet was re-centrifuged at 3000g for 15 minutes at room temperature. The haemolyses
was quantified on a ADVIA 2120 system (Siemens-Bayer, Germany) using a colorimetric assay.

2.9. Coagulation assays

Human whole blood (3.5 mL) from a healthy volunteer was collected and mixed with an
aqueous solution containing sodium citrate, then the human whole blood was centrifuged at
1500g for 15 min at room temperature to separate the blood corpuscles, and the resulting
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PPP was used to study the coagulating ability of the CS film. All tests were performed on IL
Coagulation and ELECTRATM system (Instrumentation Laboratories, USA). The level of Pro‐
thrombin Time (PT), activated Partial Thromboplastin Time (aPTT) and Thrombin Time (TT)
were determined by using three different kits (Instrumention Laboratory USA): HemosIL TM

RecombiPlasTin 2G is a high sensitivity thromboplastin reagent based on recombinant hu‐
man tissue factor (RTF) for the quantitative determination in human citrate plasma of Pro‐
thrombin Time (PT); HemosIL TM SynthASil is a high synthetic phospholipids reagent for the
in vitro determination of APTT (Activated Partial Thromboplastin Time). After incubation at
37 °C for an optimized period of time, calcium is added to trigger the coagulation process
and the time required for clot formation is determined; HemosIL TM Thrombin Time was
used for the determination of TT in human citrated plasma.
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SmCS films (10x10 mm) were equilibrated in PBS for 1 hour at 37°C. A washed-erythrocytes
stock suspension containing 3 105 mL-1 was poured on plastic and smCS film surfaces and
incubated for 30 minutes. The incubation volume was kept low (100 μL) to (a) minimize the
floating population of erythrocytes and (b) maintain the total erythrocytes count at a level
such as to prevent saturation-levels of adhesion and (c) to prevent other still suspended er‐
ythrocytes from contacting the surface. After that, the specimens were rinsed with PBS,
fixed with glutaraldheyde and detached from surface with 1% sodium dodecyl sulphate,
SDS. Ten microliters of recovered erythrocytes suspension were counted with a Burkerhae‐
mocytometer.

2.11. Platelet adhesion assay

SmCS films, plastic and cover slips glass were sterilized with 75% (v/v) ethanol solution.
Then air dried under a laminar-flow hood and rehydrated with 1 mL of sterile PBS for 1
hour. The surfaces were overlaid with 300 μL PRP at 37 °C for 2 hours. Then, the films were
washed three times in PBS with mild shaking to remove non- or poorly-adherent platelets.
After that, the specimens were rinsed with PBS, fixed with glutaraldheyde and cells detach‐
ed with 1% SDS. Ten microliters of recovered platelets suspension were counted with a Bur‐
kerhaemocytometer.

3. Platelet immunofluorescence

The platelet count in the PRP was adjusted to 300.000 μL-1 by dilution with homologous PPP.
After 1 hour contact of PRP with the different specimens at 37 °C, samples were washed with
PBS, followed by fixation with 3% (w/v) paraformaldehyde and incubated with 1% (w/v) BSA
in PBS. Labelling of the platelets was performed with a mouse monoclonal antibody CD62P
(anti-P-Selectin, Santa Cruz Biotechnology, USA) at dilution 1:100, followed by 1:200 diluted
monoclonal goat anti-mouse IgG antibody, FITC conjugated (Sigma-Aldrich, USA).
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4. Platelet morphology

The platelets-coated testing surfaces were fixed with freshly prepared 2.5% glutaraldehyde
for 20 minutes. After washing with PBS, the samples were dehydrated in a graded-ethanol
series (50, 70, 90, and 100% v/v) for 15 minutes each and allowed to dry at room tempera‐
ture. The platelet-attached surfaces were carbon sputter coated under vacuum to a thickness
of 100–200 Å and examined at 10 kV using a Cambridge StereoScan 200 microscope (Cam‐
bridge Scientific Instruments, UK).

4.1. Platelet aggregation

The blood samples were collected in tubes containing PPACK (D-phenylalanyl-L-prolyl-L-
arginine chloromethyl ketone) as anticoagulant. Platelet aggregation was measured by
means of light transmission aggregometry using Born’s turbidimetric procedure and the
PPACK-4 Platelet Aggregation Chromogenic Kinetic System (Helena Laboratories, USA).
Briefly, 250 μL of PRP were incubated with specimen surfaces for 10 (baseline) and 60 mi‐
nutes. Thereafter,the PRP were placed in a cuvette containing a metal stir bar in the absence
or in the presence (positive control) of the pro-aggregation agent, adenosine diphosphate
(ADP) 20 μM. Upon the addition of ADP the platelets started to aggregate thus increasing
light transmission through the sample. The degree of platelet aggregation was expressed as
the maximum percentage change in light transmission from PPP used as baseline. The ob‐
tained values were expressed as mean of two measurements.

4.2. Complement activation assay

The test, based on Complement Reagents Kit (Siemens Healthcare Diagnostic, Germany)
was performed on BCT Siemens coagulometer (Siemens, Germany). The test focused on the
ability of the complement system to lyse a standard suspension of sheep erythrocytes, sensi‐
tized with a rabbit anti-serum against sheep erythrocytes. Briefly, 1 mL of fresh blood sam‐
ples previously incubated for 1 hour with different substrates were incubated with
sensitized erythrocytes to investigate the complement activation. Diminished levels of indi‐
vidual components (e.g. due to prior activation by a foreign surface) result in a prolongation
of the time taken for lyses. The time necessary for the lyses of a defined amount of erythro‐
cytes is used as basis for determining the complement activity [14,15]. The results were eval‐
uated using a reference curve prepared by a serial dilution of standard plasma with isotonic
saline to give 100% of complement activity, 75% (75% of plasma + 25% saline) down to 10%
of complement activity (10% of plasma + 90% saline).

4.3. Statistical analysis

Data were expressed as means ± standard deviation (SD). Where not differently stated,
measurements were conducted at least in triplicate. Chi-square test or Student’s t-test on un‐
paired data was used to assess the statistical significance of the difference between the re‐
sults obtained from the tested specimens (Kaleida-Graph, Synergy Software, USA).
Statistical significance was assumed at a confidence level of 95% (p < 0.05).
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5. Results

5.1. Physico-chemical characterisation

As already stated, the sugar added to the chitosan solution during the preparation of the
smCS film was not retained in the final structure of the film.This assumption was mainly
based on FT-IR spectra analysis for the identification of the absorption bands relevant to vi‐
bration of functional groups of chitosan [13]. The addition of phosphate salts and D-(+) raffi‐
nose to the chitosan solution used for film preparation led to non dramatic modifications in
the IR spectrum of chitosan. The observation of the 1700-1500 cm-1 region evidenced that the
amide I band (C=O in amide group) wavenumber was lower than the value for chitosan
powder (1664 cm-1) for all the prepared films and particularly for those prepared from a sol‐
ution that did not contain the sugar [13]. This was interpreted as the result of a lower mobili‐
ty of the C=O group in the film due to its involvement in the week bound formation in the
solid structure. The incorporation of phosphate salts and significant amount of sugar in the
chitosan solution used for film preparation reduced this effect. On the other hand, the amino
group band of films prepared from a solution that did not contain the sugar was at a lower
wavenumber (1588 cm-1) than from chitosan powder (1592 cm-1), while it was practically un‐
changed in film prepared from the sugar containing solution (1590 cm-1).

D-(+)raffinose FT-IR spectrum evidenced characteristics bands at 2936 and 1649 cm-1. Inter‐
estingly, no trace of this bands was found in the FT-IR spectra of the chitosan film prepared
from solutions containing D-(+)raffinose. Similarly, no trace of the characteristic series of
peaks between 2994 and 2914 cm-1 of the sucrose powder was found in the spectrum of the
film prepared from a solution containing a high amount of sucrose [13].

These observations allowed to conclude that the excipients added to chitosan in the film
forming solutions though not retained in the solid film, interact or interfere with chitosan
chains during the film formation likely acting as viscosity modifiers during the solidifica‐
tion/gelation process.

5.2. Wettability

Contact angle measurements were performed by using serum droplets on plastic surface
and on smCS film. As expected, plastic showed the least wettable surfaces with significantly
higher contact angle (50° ± 6.3) compared to smCS film (15° ± 0.1) (Chi Square P< 0.001), thus
confirming the high hydrophilicity of smCS [13].

The hydrophilicity of the sm CS film was also investigated by measuring the swelling index
in water at the equilibrium according to the following equation:
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where Ws and Wd represent the weight of the fully hydrated and the dry film respectively.
The smCS film afforded a degree of swelling at the equilibrium more than 3 order of magni‐
tude (1285%) higher than that of the dry film. These data confirmed the very high hydrophi‐
licity of the films obtained by adding a sugar to the solution used for the film preparation.

5.3. Roughness (AFM measurements)

The AFM analysis (Figure 1) revealed that the plastic specimen exhibited rather low surface
roughness (average= 28 nm) in contrast to smCS film that showed a roughness approximate‐
ly 1.7-fold higher, around 50 nm. It is interesting to note the almost regular appearance of
groove and pits in smCS compared with plastic surface.

Figure 1. AFM 3D image of (A) standard colture plastic dish (plastic) and (B) smCS film surfaces.

5.4. Adhesion and proliferation assay of endothelial cells

As shown in Figures 2 endothelial cells attached (A), extended and proliferated (B) very well
on all surfaces tested. Cell attachment (panel A, C) and proliferation (panel B) on smCS films
were comparable to control cells grown on standard tissue culture surface (plastic). Con‐
trast-phase microscopy showed that cells were well attached to the different surfaces and
closely packed maintaining their original shapes. Moreover, endothelial cells did not evi‐
dence any morphological indication of cell death 72 hours after seeding (panel D). The
counts of cells showed little variation for the three surfaces used. In the case of plastic sur‐
face (control) the growth of HUVEC reached the values of 21284 ± 650 cm-2, while in the case
of smCS reached a lower value of 19805 ± 305 cm-2 similarly to that obtained on glass surface
(19543 ± 1050 cm-2).

5.5. In vitro cytotoxicity

Data relevant to cell growth in the presence of small pieces of smCS film or latex (positive
control) are reported in Table 1.
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Figure 2. A) Percentage of cells adhered after 24 hoursand (B) proliferation assay of endothelial cells on the different
surfaces tested. Pictures taken at the optical microscope, in phase contrast (40x), showing the morphology of endo‐
thelial cells 8 hours (C) and 72 hours (D) after seeding on smCS film.

Hours after seeding

0 24 48 72

Latex (positive control) 10000 (± 239) 924 (± 25) 714 (±16) 50 (±30)

smCS 10000 (± 360) 11420 (±100) 16070 (±290) 18570 (± 200)

Table 1. Number of endothelial cells attached to the different substrates in the presence of latex or smCS film
fragments.

The initial plating corresponds to the number of cells attached to the substrate 6 hours after
their inoculation into the well. The measured plating efficiency was around 95%. When
smCS fragments were present in the colture medium, a progressive increase of cell numbers
was observed, while in the presence of latex a progressive detachment was noticed with al‐
most all plated cells detached from the substratum after 72 hours.

These results indicate that smCS film were not cytotoxic while latex, as expected, was found
to markedly affect endothelial cell survival.
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5.6. Haemolysis assay

Haemolysis of red blood cells was used to evaluate the membrane damaging potential of the
surface of the smCS film. Two positive controls, distilled water and Copper, and one nega‐
tive control, glass, were used.

Substrate Haemolysis (%)

Distilled Water 97 (± 5)

Copper 7 (± 2)

Plastic 5 (± 1)

Glass 2 (± 1)

smCS 1 (±3)

Table 2. Percentage of haemolysis measured on different substrates. The tested surfaces were incubated with whole
blood for 1 hour. Distilled water was used as positive control.

As shown in Table 2, distilled water resulted in about 100% haemolysis, while Copper led to
7% haemolysis. Glass and smCS film caused negligible haemolysis (within the experimental
error) indicating very low membrane damaging properties of smCS material.

5.7. Blood coagulation assay

The effects of the biomaterial on coagulation process were tested by means of the (aPTT), the
(PT) and the (TT) selected as reliable measurements of the capacity of blood to coagulate
through the intrinsic, extrinsic and common coagulation mechanisms, respectively. As
shown in Figure 3 the values obtained for PT, TT and aPTT were similar to those observed
for human plasma, thus indicating that all materials tested, including smCS, did not affect
coagulation pathways.

Substrates Erythrocyte lyses time (seconds)

Plasma (control) 35.4

Glass 38.2

Plastic 35.7

SmCS film 36.3

Table 3. Erythrocyte lyses time determined by plastic and glass surfaces in comparison with smCS film.

5.8. Complement activation assay

The erythrocyte lyses time observed and reported in Table 3 shows no significant difference
among the material studied and the control. The data presented demonstrate that smCS is a
nonreactive biomaterial that does not directly activate complement.
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Figure 3. Effect of the different surfaces on coagulation time tested by means of the (aPTT), the (PT) and the (TT).

5.9. Erythrocytes and platelets adhesion assay

In Table 4 the number of cells detached with SDS from the different surfaces after adhesion
test is reported. The smCS film presented a lower overall erythrocyte and platelet adhesion
in comparison to plastic surface.

Materials Surface Adhesion

Erythrocytes µL-1 Platelets µL-1

Plastic 40 (± 13) 11(± 8)

Glass - 17 (± 6)

smCS 8 (±3) 5 (± 2)

Table 4. Numbers of erythrocytes and platelets adhered to the studied surfaces

The test showed a high significant difference in the number of adhered erythrocytes on ma‐
terials studied (p<0.0001): the erythrocyte adhesion on smCS film was about 5 fold less than
the adhesion on plastic surface. A similar behaviour was observed for platelets. In fact, the
platelets recovered from plastic and glass surfaces ranged from 2 to 3 fold more than plate‐
lets recovered from smCS film surface.

5.10. Platelet aggregation

This test was performed in order to investigate the ability of plastic, smCS film and glass
surfaces to induce platelet aggregation. The presence of ADP (adenosine-diphosphate, a
pro-aggregation agent) determined a normal profile of platelets aggregation (range 90-95%
after 5 minutes of incubation). Subsequently, the influence of materials on platelets aggrega‐
tion in the absence of ADP was studied. There were no differences between materials ob‐
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served at baseline (10 min) and after 1 hour of incubation with the substrates. smCS induced
slightly higher aggregation of platelets (5-6%) compared to plastic (2.5%) or glass (less than
2%). However, these differences have to be considered with caution, as the coefficient of var‐
iation estimated with human plasma in the absence of ADP was around 10%.

Figure 4. Fluorescence microscopy (100X)images of human platelets immunodecorated with CD62P (p-Selectin). Ar‐
rows indicate the presence of pseudopodia.

5.11. Platelet activation assay

Platelet activation was studied by the membrane expression of P-Selectin using the CD62P
antibody. The expression of P-Selectin was evident on platelets adherent to plastic and glass
surfaces and was negligible on platelets settled on smCS films (Figure 4).

On glass and plastic (see arrows) the analysis of morphology showed several fully spread
platelets expressing pseudopodia with the occurrence of focal clumps. This was also evident
when platelets were examined by Scanning Electron Microscopy, SEM (Figure 5B and 5C).

SmCS film (Figure 5A) induced very limited morphological changes over the 90 minutes of
contact: platelets remained mostly discoid without the occurrence of pseudopodia.
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Figure 5. Scanning Electron Microscope images of platelets incubated onto different surfaces. (A) smCS film, (B) plas‐
tic, (C) glass.

6. Discussion

For blood-contact applications, haemocompatibility is largely determined by specific inter‐
actions with blood and its components [16]. Many, if not all, blood-contacting biomaterials
are able to cause different undesired host responses like thrombosis, inflammatory reactions
and infections.

The coagulation system and platelets are the main factors for thrombus formation on bioma‐
terials and represent a major unmet problem in the design of vascular implants and blood-
handling systems [17].

It is known that the endothelium is an active organ that maintains vessels integrity and pre‐
vent thrombosis and intimal hyperplasia [18,19]. Hence, biomaterials able to promote in situ
endothelialisation of implants would be highly desirable.

Studies involving in vitro endothelialisation of grafts with cultured endothelial cells prior
to implantation have shown that a confluent endothelium is able to prevent trombogenic
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complications and improves long-term patency [20,21]. Thus, taking into account that the
endothelialisation of the blood-contacting polymeric materials is  an important pre-requi‐
site for the success of the synthetic vascular grafts [22] we firstly investigated the ability
of  endothelial  cells  to  adhere  and  proliferate  on  smCS  film.  The  results  obtained,  in
agreement  with  those  shown  in  our  previous  paper  [13],  showed  only  little  variation
among the surfaces tested (glass, plastic and smCS). However, from the cell proliferation
and  morphology  it  was  very  difficult  to  discriminate  difference  in  cytophilicity  among
the  surfaces  tested.  Furthermore,  the  presence  of  fragmented smCS did not  induce  any
decrement in the total number of endothelial cells compared to latex that, on the contra‐
ry, strongly affected cell survival.

The high hydrophilicity of smCS, indicated by the low contact angle, could ease the interac‐
tion with the bipolar extra-cellular matrix proteins such as fibronectin and vitronectin. Fur‐
thermore, the reduced cationic nature, due to a water shell does not allow anionic proteins
such as collagen and fibronectin to dissociate from CS surface in a physiological environ‐
ment. This aspect is in agreement with the conclusion of [23] who reported that a hydrophil‐
ic surface is good for anti-non-specific protein adsorption. It was recently reported that the
affinity for water of the cell-material interface seems to be a chief parameter in controlling
cell adhesion, migration and differentiation [24].

Stevens and George [25] recognized that cells are sensitive to microscale patterns of chemis‐
try and topography, and Dalby [26] noted that cell behaviour is directly influenced by the
surface structures such as grooves, pits, or ridges.

In this paper AFM images of smCS films evidenced a topographically patterned surface. In
the light of the above reported literature, this observation can be used to speculate about the
enhanced adhesion and proliferation of vascular cells compared to conventional, CS films
previously observed in [13].

Surface properties such as wettability, surface topography and charge are known to affect
endothelial cells attachment and growth [8]likely by altering the rate of the amount of adsor‐
bed proteins and their conformational changes [27,28]. The effect of surface materials on er‐
ythrocyte aggregation and platelet adhesion/activation becomes a chief parameter in
haemocompatibility studies.

Several years ago Malette and co-workers [29] ascribed the pro-coagulation properties of
chitosan to the negative charged surface of erythrocytes, while [30]showed that chitosan
may induce the adhesion of erythrocytes.

In the present study, the surface of smCS films induced only a limited erythrocytes agglom‐
eration, thus indicating that smCS surface neither captures erythrocytes nor forms a three-
dimensional network structure with these cells.

The lack of erythrocyte aggregation may be likely due to a polymer chains rearrangement
that masks the cationic nature of chitosan surface. Such a rearrangement can be ascribed to
the larger amount of water in smCS films as described in [13].
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One of the most important findings of this work is the observed difference in platelets mor‐
phology seeded on smCS in comparison with glass or plastic. On the latter surfaces platelets
appeared flat with interconnecting pseudopodia coupled to strong P-Selectin membrane ex‐
pression.On the contrary, the platelets on smCS films were discoidal, and neither pseudopo‐
dia formation nor a P-Selectin membrane translocation was observed.

This finding could be attributed to a new conformation of the adsorbed plasma proteins on
glass or plastic that could have facilitated platelet aggregation. Indeed, it is well known that
the surface topography can induce a spatial reorganization of adsorbed proteins as well as
how this phenomenon occurs [31]. In contrast, when the adsorbed proteins maintain their
native state, they do not support platelet adhesion and aggregation [32].

The absence of platelet activation on smCS surfaces suggests this outcome.

As far as the surface morphology is concerned, it has been reported that platelets adhere in
similar manner on smooth and rough surfaces when tested under static conditions [33]. Sim‐
ilarly Ward et al. [34] concluded that it is not the roughness per se which affects the platelet
adhesion.

One decade ago, Suzuki and Minami [35,36] showed that Chitosan depleted complement
proteins from plasma, suggesting that chitosan activates complement. A greater depletion of
complement activity was seen for a highly de-acetylated form of chitosan [36]. It is however,
important to note that the results obtained about the complement activation were based on
binding and depletion assays. This complement depletion can equally be explained by as‐
suming a tight binding to the chitosan surface without activation [37].

The results presented here indicate that although large amounts of serum were deposited on
smCS surface no activation of the complement system occurred, suggesting that the comple‐
ment is not directly activated by the smCS surface in the process of blood coagulation.

Haemolysis testing of biomaterials has been advocated for, and used in, standard biological
safety testing of materials for more than 30 years. The results of test for haemolysis should
be considered with care even if they represent the only recommended test for some medical
devices as stated in Part 4 of ISO 10993 guideline.

Different papers have reported that chitosan promotes surface-induced haemolysis likely
through an electrostatic interactions [38]. In the present work, in the presence of whole
blood smCS triggered less than 5% of haemolysis that, along with the low erythrocyte adhe‐
sion, indicates a wide safety margin in blood contacting applications and suitability for vas‐
cular implants.

In the process of haemostasis, the activation of platelet adhesion and aggregation could rep‐
resent an initial and critical step. Here we showed that the surface of smCS films does not
interfere with coagulation mechanism and supportswell endothelial cell adhesion and pro‐
liferation even if [39] reported that the haemostatic mechanism of chitosan may be inde‐
pendent of the classical coagulation cascade.
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7. Conclusion

In this paper we demonstrated that the simple introduction of a viscosity modifier, such as a
polysaccharide, during the process of production of chitosan films affords chitosan struc‐
tures (smCS film) with improved capability to induce surface endothelialisation.

This structure is moreover, characterized by a high degree of haemocompatibility and does
not induce clots formation.

These findings are of particular interest as they add new information with respect to the
presently available literature and they put new light on the use of chitosan for producing
surfaces that has to get in contact with blood.

As a matter of fact, the haemostatic properties of chitosan have to be considered more care‐
fully as we have demonstrated that they could be dramatically reduced by an improvement
of the hydrophilicity of the chitosan film surface.

Finally, from the results presented in this work, we can conclude that the sugar modified
chitosan film could be envisaged as a new material for the design the luminal portion of ves‐
sel prosthesis based on a natural and bio-resorbable polymer.
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1. Introduction

Attempts to develop synthetic vascular grafts for the replacement of diseased vascular sec‐
tions have been an area of active research over the past decades [1]. However, thrombosis
formation as a result of platelet adhesion to the luminal surface of synthetic graft and reste‐
nosis caused by host inflammatory remain a challenge, especially for small-diameter (<6
mm) graft replacement [2,3]. Therefore, the haemocompatibility of the biomaterial used in
the graft is a prerequisite for clinical success. As the result, various strategies have been de‐
veloped to improve the blood compatibility of biomaterial surfaces, including the surface
immobilization of anti-coagulants such as heparin [4] and sulfated silk fibroin [5], the incor‐
poration of polyethylene oxide or negatively charged side chains [6,7], and surface passiva‐
tion with protein layers, such as albumin [8]. Despite the efficacy of these approaches in
preventing acute thrombogenesis, concerns remain on the drug elution lifespan, with possi‐
ble consequence of late thrombosis [9]. To avoid undesirable blood-material interaction, the
seeding of autologous endothelial cells (ECs) onto the luminal surface of the graft is consid‐
ered to be an ideal approach to increase the patency of synthetic grafts [10]. Many studies
have indicated that endothelial cells release factors that regulate thrombogenesis and plate‐
let activation [11], while delayed or absent stent endothelialization has been implicated in
late thrombosis and adverse clinical outcomes [13]. Thus, rapid endothelialization of vascu‐
lar grafts is of great importance for blood-contacting vessels for long-term patency.

Due to its slow degradation rates in vivo (2-4 years) [14], good mechanical strength, and bio‐
compatibility with vascular cell types [15,16], polycaprolactone (PCL) is currently being ex‐
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tensively investigated as scaffolds for vascular tissue engineering applications [17-21].
However, the intrinsic hydrophobicity and poor cytocompatibility of PCL substrates lead to
poor affinity for cell adhesion, thereby restricting their applications as blood-contacting de‐
vices. Consequently, surface modification of PCL is necessary to improve cell adhesion and
proliferation. Functional polymer brushes containing reactive hydroxyl (-OH), carboxyl (-
COOH) or amine (-NH2) groups have been successfully grafted onto the PCL surfaces using
γ-ray irradiated, ozone or photo-induced polymerization grafting to introduce hydrophilici‐
ty [9,16,22-24]. These flexible reactive groups on the polymer brushes are well-suited to con‐
jugate bioactive macromolecules for improved cytocompatibility. However, γ-ray
irradiated, ozone or photo-induced polymerization grafting of polymer brushes has several
limitations, including low density of grafting due to steric hindrance, uncontrollable graft
yield of polymer brushes, and undesired formation of a covalent bond between reactive
groups on the polymer brushes and the surface [25]. Hence, an alternative grafting approach
that allows control over brush density, polydispersity and composition is desired.

One such alternative is the use of surface-initiated atom transfer radical polymerization
(ATRP) approach to covalently graft polymer brushes in a tunable and controllable manner
[26]. This approach allows the preparation of well-defined dense polymer brushes contain‐
ing reactive pendant groups (e.g. -OH, -COOH, or epoxide groups), and provides highly re‐
active binding sites for functional biomolecules.[27] As a result, surface-initiated ATRP
provides a promising approach to fabricate PCL substrates with well-defined polymer
brushes of controlled length and density, as well as tunable grafting density of biomacromo‐
lecules. However, to the best of our knowledge, only few studies have been devoted to mod‐
ifying biodegradable polyester polymers using surface-initiated ATRP to improve their
cytocompatibility or blood compatibility [27,28]. Also, the functionality of the attached cells
was not thoroughly investigated in those studies.

As such, the aim of the current study is to utilize the surface-initiated ATRP method to tailor
PCL substrates with dense functional P(GMA) brushes and high-density immobilized gela‐
tin to improve their properties for cell attachment and proliferation. Each functionalization
step was ascertained by XPS, AFM and water contact angle measurements. The cytocompat‐
ibility of the functionalized PCL substrates was evaluated using human umbilical vein en‐
dothelial cells (HUVECs) and the effect of different surface properties on the regulation of
the thrombogenicity of the attached cells was also investigated.

2. Materials and methods

2.1. Materials

Polycaprolactone pellets (PCL, average Mn45000), 1,6-hexanediamine (98%), glycidyl metha‐
crylate (GMA, >97%), 2-bromoisobutyrl bromide (BIBB, 98%), 2,2'-bipyridine (bpy, 98%), di‐
chloromethane (anhydrous, >99.8%), triethylamine (TEA, 98%), isopropyl alcohol,  hexane
(anhydrous, >95%), copper (I) bromide (CuBr, 99%), copper (II) bromide (CuBr2, 98%), and
gelatin (Porcine skin, Type A) were obtained from Sigma-Aldrich Chemical Co. (St. Louis,
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MO, USA), and were used without further purification. GMA was passed through a silica gel
column to remove the inhibitor, and stored under a nitrogen atmosphere at -4oC. All the other
chemical reagents and solvents were used as received. Human Umbilical Vein Endothelial
cells (HUVECs, ATCC CRL-1730TM) were purchased from American Type Culture Collection
(Manassas, VA, USA). Cell culture medium (MCDB131), heparin and paraformaldehyde (4%,
v/v) were obtained from Sigma-Aldrich Chemical Co. Medium supplements, such as Foetal
Bovine Serum (FBS), penicillin, amphotericin, bovine brain extract, streptomycin, and Tryp‐
sin-EDTA (0.25%),  were  purchased  from Life  Technologies  (Carlsbad,  CA,  USA).  LIVE/
DEAD® cell viability assay reagent, AlamarBlueTM reagent, tissue thromboplastin (human
brain extract), ellagic acid, and DAF-FM Diacetatewere obtained from Life Technologies. The
P-selectin assay reagents were obtained from Serotec Co. (Kidlington, Oxford, UK).

2.2. Aminolysis of PCL film substrates and immobilization of ATRP initiator

Polycaprolactone (PCL) films were prepared by solution casting method using previously
established methods [29]. Briefly, 5 g of the PCL pellets was dissolved in 40 ml of dichloro‐
methane to form the PCL solution. The polymer solution was then cast onto the glass sub‐
strate with predetermined thickness using the automatic film applicator (PA-2105, BYK).
The solvent was removed at room temperature by slow evaporation over a 24 h period, and
was further dried in a vacuum oven for another 24 h at 35 oC to obtain the translucent PCL
films with a thickness of about 150 μm. The resultant PCL films were cut into round-shaped
specimens with a diameter of 2 cm. The activation of PCL substrates was performed by ami‐
nolysis treatment using a procedure previously described [30,31]. Briefly, the PCL films
were immersed in a 10% (w/w) 1,6-hexanediamine and isopropanol mixture at 40 oC for a
predetermined time. After aminolysis treatment, the resultant PCL-NH2 surfaces were thor‐
oughly rinsed with copious amounts of deionized water and isopropanol, respectively, to
remove free 1,6-hexanediamine, and dried in a vacuum oven at 30 oC for 24 h.

The introduction of an alkyl halide ATRP initiator on the PCL-NH2 surface was accomplish‐
ed through the reaction of the amino groups with 2-bromoisobutyrate bromide (BIBB) [32].
The PCL-NH2 films were immersed in 30 ml of anhydrous hexane solution containing 1.0 ml
(7.2 mmol) of triethylamine (TEA). After 30 min of degassing with nitrogen, the reaction
mixture was cooled in an ice bath, and 0.89 ml (1.65g, 7.2 mmol) of BIBB was added drop‐
wise via a syringe. The reaction was allowed to proceed with gentle stirring at 0 oC for 2 h
and then at room temperature for 12 h. The resulting surface (referred to as the PCL-Br sur‐
face) was washed thoroughly with copious amounts of hexane, ethanol, and finally deion‐
ized water, in that order, and was subsequently dried in a vacuum oven under reduced
pressure at ambient temperature overnight.

2.3. Surface-initiated ATRP of GMA and immobilization of gelatin

For the grafting of P(GMA) brushes from the PCL-Br surfaces, surface-initiated ATRP of
GMA was performed using a [GMA (3 ml)]:[CuBr]:[CuBr2]:[Bpy] molar feed ratio of
100:1.0:0.2:2.0 in 5 ml of methanol/water mixture (5/1, v/v) at room temperature in a Pyrex®

tube. The reaction was allowed to proceed for 0.5 to 3 h to produce the PCL-g-P(GMA) sur‐

Amelioration of Blood Compatibility and Endothelialization of Polycaprolactone Substrates by…
http://dx.doi.org/10.5772/52646

179



faces. After the prescribed reaction time, the films were removed and washed sequentially
with copious amount of methanol and deionized water, followed by immersing in methanol
for about 48 h to ensure the complete removal of the physically-adsorbed reactants or poly‐
mers. For the immobilization of gelatin onto the pendant epoxide groups of the P(GMA)
brushes, the PCL-g-P(GMA) films were incubated in 10 ml of the phosphate buffered saline
(PBS, pH 7.4) containing 3 mg/ml gelatin. The reaction was allowed to proceed at room tem‐
perature for 24 h under continuous stirring to produce the corresponding PCL-g-P(GMA)-c-
gelatin surfaces. After the reaction, the gelatin-immobilized PCL films were washed
thoroughly with PBS solution and deionized water to remove the physically adsorbed (re‐
versibly-bound) gelatin, prior to being dried in a vacuum oven under reduced pressure
overnight.

2.4. Grafting density of the P(GMA) brushes and immobilized gelatin

The grafting density of the P(GMA) brushes and the amount of immobilized gelatin on the
PCL substrates was determined by the grafting yield (GY) using the following equation
[27,33]:

a bW W
GY

A
-

= (1)

Where Wa and Wb are the weights of the dry film after and before graft polymerization (or
immobilization of gelatin) respectively, and A is the film area (about 3.2 cm2). For each GY
measurement, a minimum of three pieces of PCL films was used and the resulting values
were averaged.

2.5. Surface characterization

The composition of the functionalized PCL films was determined by X-ray photoelectron
spectroscopy (XPS). All the XPS spectra were recorded on a Krato AXIS Hsi spectrometer
with a monochromatic Al Kα X-ray source (1486.6 eV photons), using procedures similar to
those described previously [32]. The N 1s core-level signal can be used as an indicator of the
immobilized gelatin. The [N]/[C] ratio, as determined from the sensitivity-factor-corrected N
1s and C 1s core-level XPS spectral area, indicated the relative abundance of the immobi‐
lized gelatin on the PCL substrates. Static water contact angles of the functionalized PCL
film surfaces were measured at 25 oC and 60% relative humidity using a sessile drop method
with 3 μl water droplets on a FTÅ 200 contact angle goniometer (First Ten Angstroms Inc.,
Portsmouth, VA, USA). The contact angles reported were the mean values from four sub‐
strates, with the value of each substrate obtained by averaging the contact angles for at least
three surface locations. The surface topography of the functionalized PCL substrates was in‐
vestigated by atomic force microscope (AFM). A multimode scanning probe microscope
equipped with a NanoscopeIIIa controller (Digital Instrument, Santa Barbara, USA) was
used to capture the AFM images in air. 10 μm scans were recorded in tapping mode with a
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silicon cantilever. The drive amplitude was about 300 mV, and the scan rate was between 0.5
and 1.0 Hz. The arithmetic mean of the surface roughness (Ra) was determined by Nano‐
scope software.

2.6. Cytocompatibility of the functionalized PCL substrates

Human umbilical vein endothelial cells (HUVECs, ATCC CRL-1730TM) were cultured in gel‐
atin-coated T25 flasks containing MCDB131 cell culture medium supplemented with Foetal
Bovine Serum, 0.2% Bovine Brain Extract, 0.25 ug/ml amphotericin, 0.1 mg/ml heparin, 100
U/ml penicillin, and 100 ug/ml streptomycin, in a CO2 environment at 37oC. The MCDB131
medium was changed every other day. Upon 90% culture confluency, cells were harvested
by trypsinization using 0.25% Trypsin-EDTA. ECs between 4-6 passages were used for sub‐
sequent experiments.

2.6.1. Cell proliferation

The pristine and functionalized PCL films were sterilized by immersing into 75% (v/v) etha‐
nol solution for 60 min, and then rinsed thrice with sterile PBS, followed by MCDB131 medi‐
um incubation overnight. Gelatin-coated coverslips (0.1%) were used as positive controls.
Cell viability and proliferation was determined using the AlamarBlueTM(AB) assay. 0.5 ml of
EC cell suspension (2×104 cells/ml) was seeded into each well of 24-well plate containing the
pristine and functionalized PCL films, and incubated in a 5% CO2 environment at 37 oC for
1, 3, 5 and 7 days. The cell culture medium was changed every other day. After the predeter‐
mined incubation period, culture media was removed from the wells, and 0.5 ml of the AB
solution (10% AB solution in culture media without FBS) was added to the wells. The plates
were incubated in a 5% CO2 atmosphere at 37ºC for 4 h and the fluorescence density was
measured using a microplate reader (Model 680, Bio-Rad Laboratories, Inc. Hercules, CA,
USA) at an excitation wavelength of 570 nm and an emission wavelength of 580 nm. Cell
numbers were calculated using standards derived from seeding known quantities of cells
and correlating with fluorescence emission.

2.6.2. Cell imaging

In vitro qualitative analysis of cell coverage and viability was performed using a LIVE/
DEAD® viability/cytotoxicity assay to assess the extent of endothelialization on the function‐
alized PCL surfaces. For this procedure, calcein AM (4 mM in anhydrous dimethyl sulfox‐
ide, DMSO) and EthD-1 (2 mM in DMSO/H2O, 1:4 v:v) were added to PBS (1:1000 ratio) to
produce a LIVE/DEAD® staining solution. The cell-seeded PCL samples, obtained after 7
days cell culture, were first washed thrice with PBS to eliminate the nonadherent cells, fol‐
lowed by staining using 0.1 ml of LIVE/DEAD staining solution. After incubation in a 5%
CO2 atmosphere at 37oC for 30 min, the samples were visualized by Nikon Image Ti fluores‐
cence microscope (emission at 515 nm and 635 nm (Nikon Instruments, Tokyo, Japan) to ac‐
quire fluorescent images using NIS-Elements Br software.
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2.7. Blood compatibility of the bare and endothelialized PCL substrates

The hemolysis rate, coagulant activity, nitric oxide (NO) production, and platelet activation
of the bare and endothelialized PCL films with various surface functionalizations were in‐
vestigated to evaluate their blood compatibility. The endothelialized PCL substrates were
obtained by culturing ECs (2×104 cells/ml) for 7 days on surface-functionalized PCL films us‐
ing the procedures described above.

2.7.1. Hemolysis rate test

The pristine and functionalized PCL samples were immersed in diluted blood solution con‐
taining 2% fresh anticoagulated (ACD) human blood and 98% physiological salt solution
and incubated at 37o for 1 h. After centrifugation at 3000 rpm for 5 min, the absorbance of
solution was recorded as Dt. Under the same conditions, the solution containing 2% ACD
blood and 98% physiological salt solution was used as a negative reference, and the solution
containing 2% ACD blood and 98% distilled water was used as a positive reference. These
absorbances were recorded as Dnc and Dpc, respectively. The hymolysis rate α of the samples
was calculated using the following equation:

α =
Dt - Dnc

Dpc - Dnc
×100% (2)

2.7.2. Coagulation assays

Whole blood of healthy human volunteers was mixed with 3.8% sodium citrate at a volume
ratio of 1:9. The blood was centrifuged at 3000 rpm for 15 min at room temperature to obtain
platelet-poor plasma (PPP). Aliquots of 500 μl of PPP were added to be in contact with the
surfaces of each bare or endothelialized PCL substrate for 10 min at 37oC. The PPP was then
collected and added with tissue thromboplastin (human brain extract) for prothrombin time
(PT) tests, or added with a partial thromboplastin reagent (ellagic acid) for activated partial
thromboplastin time (APTT) test. Subsequently, the fibrin clot formation time was deter‐
mined by an automatic coagulation analyzer (Sysmex CA-7000). PPP that was not exposed
to the PCL substrates was used as a blank sample.

2.7.3. Nitric Oxide (NO) secretion by HUVEC

ECs cultured for 7 days on the functionalized PCL substrates were washed twice with PBS
and incubated at 37oC with trypsin-EDTA (0.25%) solution for cell detachment. The resul‐
tant ECs were serum-starved overnight in serum-free medium. After incubation with fresh
serum-free medium for 6 h, the medium was removed and DAF-FM diacetate (Molecular
Probes, D-23842) was added to the medium to effect a final concentration of 10 μM.The me‐
dium was subsequently incubated at 37 °C for 1 h, followed by detection of fluorescence us‐
ing Glomax 20/20 luminometer equipped with a blue fluorescent module. The end product
of DAF-FM diacetate and NO is a benzotriazole derivative with a fluorescence excitation
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and emission maxima of 495 and 515 nm, respectively. Fluorescence units were normalized
to cell numbers.

2.7.4. Platelet activation determination by P-selectinassay

Platelet activation by the bare and endothelialized PCL substrates was investigated using
the P-selectin (CD62P) assay. Briefly, 100 μl of fresh human platelet rich plasma (PRP) was
incubated with the bare or 7-day endothelialized PCL substrates at 37oC for 2 h. At the end
of incubation, the films were thoroughly with copious amounts of PBS solution thrice, fol‐
lowed by adding 40 μl of anti-CD62P (1:100, v:v) to each film, and then incubated at 37oC for
1 h. After being washed thrice with PBS solution, the films were each incubated with 40 μl
of horseradish peroxidase-conjugated sheep anti-mouse polycolonal antibody at 1:100 (v:v)
at 37oC for 1 h. Subsequently, the PCL films were reacted with 150 μl of 3,3',5, 5'-tetrame‐
thylbenzidine (TMB) chromogenic solution for 10 min. The color reaction was terminated by
adding of 100 μL of 1 M H2SO4, and the optical densities (OD) were measured at 450 nm
using a Varioskan Flash Microplate Reader (Thermo Fisher Scientific, Waltham, MA, USA).

2.7.5. Gene and protein expression of vWF and activity of MMP-2 in ECs cultured on functionalized
PCL surfaces

For the real-time qPCR of von Willebrand factor (vWF) and matrix metalloproteinase-2
(MMP-2), the total RNA was extracted from the ECs after 7 days in culture, reverse-transcri‐
bed into cDNA and analyzed as described above. The expression of vWF and MMP-2 was
normalized to the housekeeping ribosomal protein L27 (rpl27). Endothelial cells treated with
10 ng /ml TNF were used as positive controls.

For the immunoblot detection of vWF protein, cells were lyzed in protein lysis buffer (0.1%
sodium dodecyl sulfate, 0.5% triton X-100, and 0.5% sodium deoxycholate dissolved in pH
7.4 PBS) and resolved using a denaturing 10% SDS-PAGE. The proteins were then blotted
onto a nitrocellulose membrane and after blocking with 5% non-fat milk in tris-buffered sal‐
ine with 0.1% Tween (TBS-T), the membrane stained using a rabbit anti-human vWF anti‐
body at 1:5000 and subsequently with anti-rabbit HRP-conjugated antibody at 1:10,000 in
TBS-T. The vWF was then visualized after developing using chemiluminescence on X-ray
film. For determination of the MMP-2 activity, proteins were extracted from trypsinized
cells using the protein lysis buffer before resolving by electrophoresis through a 10% SDS-
PAGE copolymerized with 0.1% gelatin as substrate for enzymatic digestion. The molecular
sizes of gelatinolytic activities were determined using protein standards (Fermentas, Pre-
stained PAGE rulers). Upon completion of gel running, the gel was incubated with 100 mL
renaturation buffer containing 2.5% triton X-100 for 1 h at room temperature with agitation.
The gel was subsequently incubated in 100 ml of development buffer containing 50 mM Tris
base, 200 mM NaCl, 5 mM CaCl2, and 0.02% Brij-35 overnight at 37 °C. Developed gel was
then stained by the Coomassie Blue and gelatinolytic activities of MMP-2 were determined
by the transparent bands appeared at the molecular weight of approximately 68 kDa and 98
kDa, respectively.
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2.8. Statistical analysis

Each experiment was carried out with four replicates (n = 4), and the data are presented as
mean ± standard deviation (SD) unless of otherwise stated. Statistical analysis was carried
out by means of one-way analysis of variance (ANOVA) with Tukey’s post hoc test. The
confidence levels of 95% (p<0.05) and 99% (p<0.01) were used and no adjustments were
made for multiple comparisons.

3. Results and discussion

Polycaprolactone (PCL) films with gelatin-coupled poly(glycidyl methacrylate) (P(GMA))
brushes were prepared via the following reaction sequence (Fig. 1): (a) active amine groups
were introduced to the PCL film surfaces by the aminolysis reaction, (b) the immobilization
of an alkyl bromide ATRP initiator was achieved via TEA-catalyzed condensation reaction
between the amine groups on the aminolyzed PCL substrates and 2-bromoisobutyryl bro‐
mide (BIBB), (c) well-defined P(GMA) functional brushes were covalently grafted from the
ATRP initiator-immobilized PCL surface via surface-initiated ATRP of GMA, (d) cell-adhe‐
sive gelatin was directly coupled to the pendant active epoxide groups of the grafted
P(GMA). Details of each functionalization step are discussed below.

Figure 1. Schematic illustration of the process of (a) aminolysis of PCL substrates to introduce the free amino groups
(the PCL-NH2 surface), (b) immobilization of a alkyl bromine-containing initiator via condensation reaction to give the
PCL-Br surface, (c) surface-initiated atom transfer radical polymerization (ATRP) of GMA from the PCL-Br surface to
produce the PCL-g-P(GMA) surface, and (d) subsequently covalent conjugation of gelatin to obtain the PCL-g-P(GMA)-
c-gelatin surface.
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3.1. Aminolysis of PCL substrates and immobilization of ATRP initiator

Aminolysis represents an easy-to-perform chemical technique to engraft amino groups
along the polyester chains, and hence has been widely used in the surface modification of
scaffolds for tissue engineering applications [31,34]. In this study, PCL substrates were acti‐
vated by the aminolysis reaction to introduce active amine groups. The relative amount of
amine groups on the aminolyzed PCL (defined as the PCL-NH2) surface was quantitatively
determined by XPS measurements. The [N]/[C] ratio, as determined from sensitivity factor-
corrected N 1s and C 1s core-level XPS spectral area, increases with the aminolysis time and
reaches the maximal value after 1 h, which is estimated to be about 0.043 (Figs. 2). The result
is consistent with the data reported previously [35,36]. As a degradation reaction, the ami‐
nolysis reaction is found to proceed preferentially at the amorphous regions of polymer in
diamine solution during the initial period [37]. At longer aminolysis time, the decrease in
bound amine groups may be caused by chain scission, formation of oligomers and other low
mass fragments that are removed from the surface during reaction and the rinsing process
[38]. Thus, the optimal aminolysis time for PCL film was found to be 1 h, and this reaction
time was chosen for the subsequent surface modification and cell studies.

Figure 2. The [N]/[C] ratio of the aminolyzed PCL surface as a function of aminolysis time determined by XPS measure‐
ments. The analysis reaction of PCL films proceeded at 40oC in 10 wt% 1,6-hexanediamine/2-propanol solution. Error
bars represent the standard deviation over separate measurement on three PCL films. The optimized aminolysis time
was observed at 1 h with the [N]/[C] ratio of 0.043.

The chemical composition of the PCL film surfaces at various stages of surface modification
was ascertained by XPS. Figs. 3a-3c show the respective wide scan, C 1s, and N 1s core-level
spectra of the pristine PCL and PCL-NH2 surfaces from 1 h of aminolysis. The C 1s core-lev‐
el spectra of the pristine PCL can be curve-fitted into three peak components with binding
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energies (BEs) at about 284.6, 286.2 and 288.7 eV, attributable to the C-H, C-O, and O=C-O
species, respectively (Fig. 3b) [39]. The area ratio of [C-H]:[C-O]:[O=C-O] is around
5.0:1.1:1.0 (Table 1), which is in good agreement with the theoretical value of 5:1:1 for the
polycaprolactone structures. The appearance of N 1s signal in the wide scan spectrum (Fig.
3a) and an additional peak component at 285.5 eV, attributable to C-N species, in the curve-
fitted C 1s core-level spectrum (Fig. 3c) indicate the successful introduction of amine groups
onto the PCL substrates after 1 h of aminolysis. The only peak component found at the BE of
399.6 eV in the N 1s core-level spectrum is associated with the free amine group on the PCL-
NH2 film surface (Fig. 3c') [38]. The decrease in static water contact angles of the PCL sub‐
strates from 93 ± 2o to 66 ± 3o is consistent with the presence of amine groups on the PCL-
NH2 surface (Table 1). The amine groups on the aminolyzed PCL surface can not only
improve surface hydrophilicity, but also offer the active sites for further functionalization.

Figure 3. Wide scan and C 1s core-level curve-fitted XPS spectra of the (a,b) pristine PCL, (c,d) PCL-NH2 from 1 h of
aminolysis, and (e,f) PCL-Br surfaces. Insets of (d') and (f') correspond to the N 1s and Br 3d core-level XPS spectra of
the PCL-NH2 and PCL-Br surfaces, respectively.

The immobilization of a uniform monolayer of initiators on the solid surface is indispensible
in the surface-initiated ATRP process [40]. An alkyl bromide ATRP initiator was introduced
onto the PCL-NH2 surface via TEA-catalyzed condensation reaction to produce the PCL-Br
surface. Successful introduction of the alkyl bromide-containing ATRP initiator onto the
PCL substrates can be deduced from the appearance of three additional signals with BEs at
about 70, 189 and 256 eV, attributable to Br 3d, Br 3p, and Br 3s, respectively, in the wide
scan spectrum of the PCL-Br surface (Fig. 3a) [41]. The [Br]/[C] ratio, as determined from the
Br 3d and C 1s core-level spectral area ratio, was about 3.17×10-2 (Fig. 3d). The correspond‐
ing Br 3d core-level spectrum of the PCL-Br surface with a Br 3d5/2 BE of 70.4 eV is consistent
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with the presence of the alkyl bromide species [41] (Fig. 3d'). The alkyl bromide-immobi‐
lized PCL surface became more hydrophobic, as static water contact angle increased noticea‐
bly to 85 ± 3o (Table 1).

Sample GYg(μg/cm2)

( mean± SDh)

[Br]/[C]i [N]/[C]i Surface compositionj

(molar ratio)

WCAk

(degree)

Pristine PCLa – – – [C-H]:[C-O]:[O=C-O]

= 5:1.1:1.0 (5:1:1)

93±2

PCL-NH2 b – – 0.043 [C-H]:[C-N]:[C-O]:[O=C-O]

= 4.7:0.7:1.1:1.0

66±3

PCL-Brc – 3.17×10-2 – [C-H]:[C-N]:[C-O/C-Br]:[O=C-O] =

5.0:0.9:1.7:1.0

85±3

PCL-g-P(GMA)1d 6.31±1.32 9.29×10-3 – [C-H]:[C-O]:[O=C-O]

= 3.8:2.8:1.0 (3:3:1)

62±4

PCL-g-P(GMA)2e 14.76±2.63 4.72×10-3 – [C-H]:[C-O]:[O=C-O]

= 3.1:3.0:1.0 (3:3:1)

61±5

PCL-g-P(GMA)1-c-

gelatinf

2.63± 0.52 – 0.169 [C-H]:[C-N]:[C-O]:[O=CNH]: [O=C-

O] = 3.5:1.5:1.7:1.0:0.7

37±3

PCL-g-P(GMA)2-c-

gelatinpala

3.79±0.73 – 0.203 [C-H]:[C-N]:[C-O]:[O=CNH]: [O=C-

O] = 3.1:1.5:1.4:1.0:0.3

35±4

a Pristine PCL refers to the cleaned PCL film after rigorous wasing with alcohol/water solution and deionized water, b
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surfaces, respectively, f Reaction conditions: the PCL-g-P(GMA)1 and PCL-g-P(GMA)2 surfaces incubated in PBS (pH 7.4)
solution containing the gelatin at a concentration of 3 mg/mL at room temperature for 24 h, g GY denotes the graft‐
ing yield, and is defined as GY = (Wa - Wb)/A, where Wa and Wb corresponds to the weight of the dry films before and
after grafting of polymer brushes, respectively, and A is the film area (about 3.2 cm2
), h SD denotes standard deviation, i Determined from the corresponding sensitivity factor-corrected element core-level
spectral area ratios, j Determined from the curve-fitted C 1s core-level spectra. Theoretical values are shown in paren‐
theses. k WCA denotes static water contact angles.

Table 1. Grafting yield, surface composition, and water contact angles of the pristine PCL and surface-functionalized
PCL surfaces

3.2. Surface-initiated ATRP of GMA and immobilization of gelatin

P(GMA) is an effective surface linker to immobilize biomolecules, such as proteins, antibod‐
ies or enzymes, for tissue engineering applications [42]. Fig. 4 shows the respective wide
scan, C 1s and Br 3d core-level spectra of the PCL-g-P(GMA) surface from 1 and 3 h of ATRP
reaction. The C 1s core-level spectra of the PCL-g-P(GMA) surface can be curve-fitted into
three peak components with BEs at 284.6, 286.2 and 288. 7 eV, attributable to C-H, C-O and
O=C-O, respectively (Figs. 4b and 4d). For the PCL-g-P(GMA)1 surface from 1 h of ATRP,
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the area ratio of [C-H]:[C-O]:[O=C-O] is about 3.8:2.8:1.0 (Table 1), which is slightly different
from the theoretical value of 3:3:1 for the GMA unit structure. The deviation in peak compo‐
nent area ratio of C 1s core-level spectrum of the PCL-g-P(GMA)1 surface suggests that the
thickness of the P(GMA) brushes is less than the probing depth of XPS technique (about 8
nm in an organic matrix) [41]. Increasing the reaction time to 3 h leads to a [C-H]:[C-O]:
[O=C-O] ratio of about 3.1:3.0:1.0, which is close to the theoretical value of the GMA repeat
unit structure (Table 1). This is an indication that the P(GMA) brushes were thicker than the
probing depth of XPS technique. It has been reported that the thickness of the P(GMA)
brushes grafted on the silicon surface is around 30 nm after 3 h of ATRP of GMA under sim‐
ilar reaction conditions [41]. The presence of P(GMA) brushes leads to decrease in static wa‐
ter contact angles to 62 ± 4o and 61 ± 5o, respectively, for the PCL-g-P(GMA)1 and PCL-g-
P(GMA)2 surfaces, owing to the presence of hydrophilic epoxide groups [43].

Figure 4. Wide scan, C 1s, and Br 3d core-level curve-fitted XPS spectra of the (a,b,b') PCL-g-P(GMA)1 from 1 h of ATRP
reaction and (c,d,d') PCL-g-P(GMA)2 from 3 h of ATRP reaction. Successful grafting of P(GMA) polymer brushes can be
deduced from the area ratios of [C-H]:[C-O]:[O=C-O] peak components comparable to the theoretical value of 3:3:1 of
GMA molecular structure.

The grafting yield (GY) was measured to evaluate the kinetics of polymer chain growth in
this study. As shown in Fig. 5, an approximate linear increase in GY of the grafted P(GMA)
chains with polymerization time could be observed for the PCL-Br surface. The result sug‐
gests that the chain growth from the PCL-Br surface proceeds in a controlled and well-de‐
fined manner. The GY values of the PCL-g-P(GMA)1 and PCL-g-P(GMA)2 surfaces are
about 6.31 ± 1.32 and 14.76 ± 2.63 μg/cm2 (Table 1), respectively. The persistence of the Br 3d
core-level signal (Figs. 4b' and 4d') is consistent with the fact that the living chain end from
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the ATRP process involves a dormant alkyl halide group, which can be readily reactivated
to initiate the block copolymerization [25]. However, the molecular weight and molecular
weight distribution of the surface-graft polymers cannot be determined with sufficient accu‐
racy without precise cleavage of the grafted P(GMA) from the film surfaces [27].

Figure 5. A linear relationship between the grafting yield (GY) of the P(GMA) brushes with the surface-initiated ATRP
time. The polymer chain growth was tuneable by varying reaction time.

Nucleophilic reactions involving –NH2 moieties of biomolecules and the pendant epoxide
groups have been widely reported [44]. In this work, cell-adhesive gelatin was directly cou‐
pled to the pendant epoxide groups of the PCL-g-P(GMA)1 and PCL-g-P(GMA)2 surfaces to
produce the corresponding PCL-g-P(GMA)1-c-gelatin and PCL-g-P(GMA)2-c-gelatin surfa‐
ces, respectively. Fig. 6 shows the respective wide scan, C 1s and N 1s core-level spectra of
the gelatin-immobilized PCL surfaces. The corresponding curve-fitted C 1s core-level spec‐
trum was composed of five peak components with BEs at about 284.6, 285.5, 286.2, 288.2 and
289.1 eV, attributable to the C-H, C-N, C-O, O=CNH, and O=C-O species [41], respectively
(Figs. 6b and 6d). The C-N peak component is associated with the linkages in gelatin itself,
as well as the linkage between P(GMA) and gelatin. The O=CNH peak component is ascri‐
bed to the peptide bonds in gelatin. The above results and the appearance of a strong N 1s
signal with BE at 399.6 eV (Figs. 6b' and 6d'), characteristic of amine species, are consistent
with the fact that gelatin has been covalently immobilized on the P(GMA) brushes. The sur‐
face wettability of the PCL substrates is significantly improved after the immobilization of
gelatin, as water contact angles decrease to 37 ± 2o (for the PCL-g-P(GMA)1-c-gelatin) and 35
± 3o(for the PCL-g-P(GMA)2-c-gelatin) (Table 1). It is reported that gelatin contains large
amount of glycine (Gly) and proline (Pro) which are hydrophilic amino acids [45]. The hy‐
droxyl groups (-OH) generated in the ring-opening reaction of epoxide groups by coupling
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of gelatin could have also contributed to the lower water contact angle of the PCL-g-
P(GMA)-c-gelatin surfaces.

Figure 6. Wide scan, C 1s and N 1s core-level curve-fitted XPS spectra of the (a,b,b') PCL-g-P(GMA)1-c-gelatin and
(c,d,d') PCL-g-P(GMA)2-c-gelatin surfaces. The appearance of two additional peak components of C-N and O=CNH as
a result of immobilized gelatin.

3.3. Surface topography

The changes in topography of the PCL film surfaces after each functionalization step were
investigated by AFM. Fig. 7 shows the representative AFM height images of the pristine
PCL and functionalized PCL surfaces with scanned areas of 10 μm × 10 μm. The pristine
PCL film surface is relatively uniform and smooth with a root-mean-square surface rough‐
ness values (Ra) of about 19 nm (Fig. 7a). After the aminolysis treatment, the Ra value in‐
creases to 31 nm (Fig. 7b). The observation that aminolysis caused a noticeable increase in
surface roughness is in agreement with the findings by other groups [30,35]. The existence of
shallow pits is probably the result of the penetration of hexanediamine molecules into the
PCL films, since it has been previously reported that the aminolysis reaction can take place
at a depth of around 50 μm [23,30]. After graft polymerization of GMA, obvious increases in
Ra values are observed on the PCL-g-P(GMA)1 (56.9 nm, Fig. 7c) and PCL-g-P(GMA)2 surfa‐
ces (67.8 nm, Fig. 7e), and characteristic fiber-like features of polymer brushes are also visi‐
ble on the P(GMA)-grafted film surfaces (Figs. 7c and 7e). The subsequent coupling of
gelatin to P(GMA) brushes resulted in a further slight increase in surface roughness of PCL
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substrates, as Ra values increase to 59 nm and 71.5 nm for the PCL-g-P(GMA)1-c-gelatin and
the PCL-g-P(GMA)2-c-gelatin surfaces, respectively.

Figure 7. Representative two-dimensional (2D) AFM images of (a) pristine PCL, (b) PCL-NH2, (c) PCL-g-P(GMA)1 from 1
h of ATRP, (d) PCL-g-P(GMA)2 from 3 h of ATRP, (e) PCL-g-P(GMA)1-c-gelatin, and (f) PCL-g-P(GMA)2-c-gelatin surfa‐
ces. The arithmetical mean roughness (Ra) of different PCL substrates was obtained from a scan size of 10 μm × 10 μm.

3.4. Endothelial cells proliferation and surface endothelialization

The adhesion and proliferation of endothelial cells (ECs) on the functionalized PCL surfaces
was quantitatively determined by the AlamarBlueTM (AB) assay, and the results are shown
in Fig. 8. The pristine PCL film surface is the least conducive for supporting cellular growth,
since only a marginal increase in cells over 7 days of culture was observed. The cells attach‐
ed to the PCL-NH2 film surfaces showed a slight improvement in proliferation as compared
to the pristine PCL surface. This result is consistent with previous findings that the presence
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of amine groups on the PCL surfaces leads to a positive effect on cell proliferation [23,30],
albeit to a limited extent. Despite the improvement in surface hydrophilicity and roughness,
the grafting of P(GMA) brushes onto the PCL film surfaces did not lead to an enhancement
in EC proliferation behavior, which is probably associated with the cytotoxicity and mutage‐
nicity of epoxides groups to ECs [46]. Besides the fact that polymer surfaces with moderate
hydrophilicity of water contact angles in a range of 30-70o and rougher nano-topography are
favorable for cell attachment and proliferation [47,48], other factors (e.g. biological cues)
may also be required for positive cell interaction with material substrates. This hypothesis
was confirmed by the observation that the gelatinized P(GMA)-grafted PCL substrates ex‐
hibited higher affinity and proliferation for ECs as compared to the surfaces that did not
contain the bioactive gelatin motifs.

In fact, the proliferation rates of the PCL-g-P(GMA)1-c-gelatin and PCL-g-P(GMA)2-c-gelatin
surfaces were comparable to that of the gelatin-coated coverslips (positive controls). Cell prolif‐
eration on the gelatin-immobilized PCL surfaces was not only significantly enhanced, but also
found to be positively correlated to the amounts of immobilized gelatin. The PCL-g-P(GMA)2-
c-gelatin surface exhibited more pronounced enhancement in cell adhesion and proliferation
than that of the PCL-g-P(GMA)1-c-gelatin surface, as the longer ATRP reaction time allowed for
more gelatin to be attached. This result suggests that an increase in surface density of the immo‐
bilized gelatin can lead to an increase in EC proliferation over time. This phenomenon is proba‐
bly associated with the fact that immobilization of gelatin provides many epitopes or ligands
for cell adhesion molecules, such as integrins, thus mimicking the natural extracellular environ‐
ment that is favorable for EC adhesion, spreading and proliferation.

Figure 8. EC proliferation profile on the gelatin-coated coverslips, pristine PCL and functionalized PCL surfaces after 1,
3, 5 and 7 days of incubation at 37 oC in a 5% CO2 atmosphere as determined by the AlamarBlueTM(AB) assay. Data
presented as means ± SD. *p<0.05 and **p<0.01 refers to statistically significant difference compared with the pristine
PCL surface. The cell proliferation rate of ECs seeded on the gelatin-immobilized surfaces was significantly improved as
compared to that the pristine PCL film.
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The visualization of EC coverage on the functionalized PCL surfaces enabled a good assess‐
ment of the efficacy of endothelialization over the entire surface. Fig. 9 shows the represen‐
tative fluorescence images of LIVE/DEAD-stained ECs on the pristine PCL and
functionalized PCL film surfaces after 7 days of culture. The sparse coverage of ECs on the
pristine PCL substrate further confirmed the unfavorable surface properties of pristine PCL
for cell adhesion and proliferation (Fig. 9b). Poor endothelialization was also observed on
the aminolyzed PCL (Fig. 9c) and P(GMA)-grafted PCL surfaces (Fig. 9d). The dense growth
of ECs on the PCL-g-P(GMA)1-c-gelatin (Fig. 9e) and PCL-g-P(GMA)2-c-gelatin (Fig. 9f) sur‐
faces indicated significant improvement in EC coverage for the gelatin-immobilized PCL
surfaces. The observed denser coverage of ECs on the PCL-g-P(GMA)2-c-gelatin surfaces
compared to the PCL-g-P(GMA)1-c-gelatin surfaces meant that the efficacy of endotheliali‐
zation is positively correlated to the amount of immobilized gelatin. Taken together, the re‐
sults suggest that the higher the surface concentration of immobilized gelatin, the better the
endothelialization efficacy of the material within a given period of time.

Figure 9. Fluorescence images of LIVE/DEAD-stained ECs on the (a) gelatin-coated coverslips (positive control), (b)
pristine PCL, (c) PCL-NH2, (d) PCL-g-P(GMA)2, (e) PCL-g-P(GMA)1-c-gelatin, and (f) PCL-g-P(GMA)2-c-gelatin after 7
days of incubation in cell suspension (2×104 cells/ml). Scale bar: 20 μm. Rapid endothelialization was observed for the
gelatin-immobilized PCL surfaces.
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3.5. Blood compatibility tests

3.5.1. Hemolysis rate test

Hemolysis rate is an important factor for characterization of the blood compatibility. The
lower the hemolysis rate, the better the blood compatibility. Figure 10 shows the hemolysis
rate of the pristine PCL and surface-functionalized PCL samples. It can be seen that the he‐
molysis rate of the functionalized samples has no substantial improvement. The gelatin-im‐
mobilized PCL substrates even show a relatively higher hemolysis rate than those of the
pristine PCL and PCL-NH2 surfaces. This result is consistent with the previous findings that
gelatin exhibited somewhat hemostatic effect by nature. However, the hemolysis rate of the
gelatin-immobilized PCL samples is approximately 3%, far below the accepted threshold
value of 5% for biomaterial applications. Thus, the gelatin-immobilized samples can be used
as a novel material with good hemocompatibility.

Figure 10. Hemolysis rate of the pristine PCL and surface-functionalized PCL samples. Data presented as means ± SD,
n=3.

3.5.2. Coagulation activity on the bare and endothelialized PCL substrates

Blood coagulation, particularly under conditions of relatively low flow, has been recognized
to be one of the main problems of vascular occlusion [49]. Activated coagulation factors in‐
fluence the clotting time through extrinsic, intrinsic and common coagulation pathways.
Prothrombin time (PT) is used to evaluate deficiencies in the extrinsic factor, and represents
the time for blood plasma to clot after the addition of thromboplastin (activator of the extrin‐
sic pathway) [50]. Activated partial thromboplastin time (APTT) is used to evaluate the in‐
trinsic factors, such as VIII, IX, XI and XII, and common coagulation pathway factors V, X
and II [50]. Both PT and APTT are commonly used to screen for adverse activation of the
coagulation pathways on the vascular grafts and to evaluate their haemocompatibility in vi‐
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tro. Thus, the PT and APTT values of the bare and endothelialized PCL substrates with vari‐
ous surface modifications were measured.

Figure 11. a) PT and (b) APTT results (means ± SD, n=3) for the bare and endothelialized surfaces of pristine PCL and
surface-functionalized PCL, The coagulation activity of all surfaces was found to be in the normal range for healthy
blood plasma.

The normal ranges of PT and APTT for healthy blood plasma are 12.0-14.5 s and 27.0-35.6 s,
respectively [51]. Fig. 11 shows the PT and APTT results for the bare and endothelialized
PCL substrates with various surface modifications. For the bare PCL and functionalized
PCL surfaces, both PT and APTT are all within the normal ranges of coagulation time. None
of the PCL substrates was found to affect the coagulation pathways significantly, and no
discernible effect was observed in the presence of gelatin, indicating that surface functionali‐
zation activated neither the intrinsic nor the extrinsic coagulation pathways. This result is
consistent with previous findings by other groups that cell-adhesive proteins and peptides
do not affect or convert blood coagulation pathways [51,52]. Even after the PCL substrates
were coated with a layer of ECs, the PT and APTT readings were still observed to be in the
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normal range of the clinical reference, and no significant differences in the coagulant activi‐
ties were observed on the endothelialized PCL substrates as compared to the bare PCL sub‐
strates. The results also revealed that the ECs cultured on the pristine PCL and
functionalized PCL surfaces remained unactivated and did not exhibit procoagulation phe‐
notypes. Hence, it could be concluded that the presence of the monolayer of ECs had no ef‐
fect on the intrinsic or the extrinsic coagulation pathways.

3.5.3. Nitric Oxide (NO) production

Nitric oxide (NO) is an important regulator of vascular tone and platelet adhesion and the
continuous NO release by ECs prevents thrombogenesis [53]. In this study, the NO secretion
of the ECs on the pristine PCL and functionalized PCL surfaces were measured. As shown
in Fig. 12, the amount of NO secreted by ECs on the gelatin-immobilized PCL surfaces was
significantly higher than those on the pristine PCL, aminolyzed and P(GMA)-grafted PCL
surfaces. The amount of NO production of the ECs seeded on the PCL-g-P(GMA)2-c-gelatin
surface was around 2-fold higher than that on the PCL-g-P(GMA)1-c-gelatin surfaces, indi‐
cating that the improved NO production observed for ECs grown on the gelatin-immobi‐
lized PCL surface may be positively correlated to the amount of covalently immobilized
gelatin. The above results suggest that a high density of immobilized gelatin led to the en‐
hancement in NO secretion.

Figure 12. The amount of NO production for the ECs seeded on the pristine and functionalized PCL substrates. Data
presented as means ± SD, n=3. *p<0.05 and **p<0.01 corresponds to statistically significant difference as compared to
the pristine PCL.

3.5.4. Platelet activation on the bare and endothelialized PCL substrates

Apart from coagulation pathways, platelet activation is considered another important crite‐
rion in assessing blood compatibility of the biomaterial surface. The activation of attached
platelet results in platelet aggregation and the formation of a thrombus [54]. The subendo‐
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hancement in NO secretion.

Figure 12. The amount of NO production for the ECs seeded on the pristine and functionalized PCL substrates. Data
presented as means ± SD, n=3. *p<0.05 and **p<0.01 corresponds to statistically significant difference as compared to
the pristine PCL.

3.5.4. Platelet activation on the bare and endothelialized PCL substrates

Apart from coagulation pathways, platelet activation is considered another important crite‐
rion in assessing blood compatibility of the biomaterial surface. The activation of attached
platelet results in platelet aggregation and the formation of a thrombus [54]. The subendo‐
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thelial collagens (i.e., types I - IV) have been found to interact directly with platelets to trig‐
ger their activation for thrombogenic initiation [55]. As gelatin is a derivative of collagen,
one downside of using gelatin-immobilized surfaces could be the detrimental adhesion and
activation of platelets, which could initiate clotting. Therefore, the extent of platelet activa‐
tion by the different biomaterial surfaces was studied.

Figure 13. P-selectin expression for the (a) bare and (b) endothelialized surfaces of the pristine and functionalized PCL
substrates. Plasma rich platelet (PRP) was used as positive control. *p<0.05 and **p<0.01 corresponds to statistically
significant difference compared with the pristine PCL surface.

In this study, platelet activation on the bare and endothelialized PCL substrates was de‐
termined using the P-selectin assay, since P-selectin is one of intracellular granular mole‐
cules released upon platelet  activation and stimulation [5],  For the bare PCL substrates,
the amount of activated platelets on the gelatin-immobilized PCL surfaces was compara‐
ble  to  those  of  the  pristine  PCL surfaces  (Fig.  13a).  In  contrast,  platelet  activation  was
found to be significantly higher on the P(GMA)-grafted PCL surfaces, indicative of an in‐
creased risk for thrombogenesis. The results suggest that the immobilization of gelatin on
the P(GMA)-grafted PCL surfaces not only rendered them with adhesion-promoting prop‐
erties,  but also decreased the risk of  inducing the activation of platelets.  It  has been re‐

Amelioration of Blood Compatibility and Endothelialization of Polycaprolactone Substrates by…
http://dx.doi.org/10.5772/52646

197



ported previously that the biological motifs immobilized on the polymers could not bind
effectively with the platelet integrin unless their separation distances was between 1.48-2.2
nm [56], and that polymers with small spacer, such as lauric acid-conjugated GRGDS, ex‐
hibited no increase in activation [57].  Here,  the gelatin was directly conjugated onto the
grafted P(GMA) brushes (small spacer), and thus the gelatin motif could not gain access
to the binding sites of the platelet integrin (such as α2β1). In addition, it is probable that
the  other  surface  properties  (e.g.  enhanced hydrophilicity)  were  also  responsible  for  re‐
duced platelet activation activity.

In the case of the endothelialized PCL substrates, the amount of activated platelets on the
gelatin-immobilized PCL surfaces was significantly reduced with respect to the other endo‐
thelialized PCL substrates (Fig. 13b), indicative of good anti-thrombogenic behavior of the
EC confluent layer. This result is consistent with the high level of NO production by ECs on
the gelatinized PCL surface. The P-selectin expression on the endothelialized pristine PCL
and PCL-NH2 surfaces was higher than those on the bare substrates (Fig. 13b), which is line
with the well-established fact that subconfluent EC layers were more thrombogenic in na‐
ture [13]. The platelet activation was significantly enhanced on the endothelialized P(GMA)-
grafted PCL surfaces, as observed by the high levels of P-selectin expression, which is an
indication of an increased risk of thrombogenesis for those surfaces. Overall, the above re‐
sults showed that the thrombogenicity of a biomaterial is influenced by both EC confluency
and the surface properties of the biomaterial. Consequently, it can be concluded that the im‐
mobilization of gelatin on the P(GMA) brushes prevented platelet activation, but that the
presence of the P(GMA) brushes alone led to a pro-thrombogenic surface.

3.5.5. Expression and activity of vWF and MMP-2 of EC on the surface-functionalized PCL samples

In order to further investigate the thrombogenicity of endothelialized surfaces, we per‐
formed real-time PCR tests and protein immunoblotting on factors that mediate platelet ad‐
hesion to ECs. The expression of von Willebrand factor (vWF) on endothelial cells promotes
platelet adhesion and high or abnormal expression of vWF has been implicated in pathologi‐
cal conditions such as thrombosis [58]. Matrix metalloproteinase-2 (MMP-2) is another factor
known to be involved in platelet aggregation, as well as to have important roles in the deg‐
radation and remodeling of the endothelial extracellular matrix [59, 60]. 7 days after the
seeding of ECs, the relative expression of both vWF and MMP-2 mRNA in the EC on both
PCL-g-P(GMA)1-c-gelatin and PCL-g-P(GMA)2-c-gelatin surfaces were downregulated
when compared to the ECs on PCL-g-P(GMA) surfaces and gelatin-coated coverslips (Fig.
14a and 14c). Immunoblotting of the vWF protein produced in ECs, also, suggest that it is
lower in ECs on PCL-g-P(GMA)- c-gelatin surfaces in comparison to PCL-g-P(GMA) surfa‐
ces but differed where the vWF expression of ECs on the pristine PCL surface and gelatin-
coated coverslip could not be detected (Fig. 14b). Nevertheless, these results suggest that
pro-thrombogenic factors could be increased on bare PCL-g-P(GMA) surfaces and the conju‐
gation of gelatin could help to reduce thrombogenicity.

Advances in Biomaterials Science and Biomedical Applications198



ported previously that the biological motifs immobilized on the polymers could not bind
effectively with the platelet integrin unless their separation distances was between 1.48-2.2
nm [56], and that polymers with small spacer, such as lauric acid-conjugated GRGDS, ex‐
hibited no increase in activation [57].  Here,  the gelatin was directly conjugated onto the
grafted P(GMA) brushes (small spacer), and thus the gelatin motif could not gain access
to the binding sites of the platelet integrin (such as α2β1). In addition, it is probable that
the  other  surface  properties  (e.g.  enhanced hydrophilicity)  were  also  responsible  for  re‐
duced platelet activation activity.

In the case of the endothelialized PCL substrates, the amount of activated platelets on the
gelatin-immobilized PCL surfaces was significantly reduced with respect to the other endo‐
thelialized PCL substrates (Fig. 13b), indicative of good anti-thrombogenic behavior of the
EC confluent layer. This result is consistent with the high level of NO production by ECs on
the gelatinized PCL surface. The P-selectin expression on the endothelialized pristine PCL
and PCL-NH2 surfaces was higher than those on the bare substrates (Fig. 13b), which is line
with the well-established fact that subconfluent EC layers were more thrombogenic in na‐
ture [13]. The platelet activation was significantly enhanced on the endothelialized P(GMA)-
grafted PCL surfaces, as observed by the high levels of P-selectin expression, which is an
indication of an increased risk of thrombogenesis for those surfaces. Overall, the above re‐
sults showed that the thrombogenicity of a biomaterial is influenced by both EC confluency
and the surface properties of the biomaterial. Consequently, it can be concluded that the im‐
mobilization of gelatin on the P(GMA) brushes prevented platelet activation, but that the
presence of the P(GMA) brushes alone led to a pro-thrombogenic surface.

3.5.5. Expression and activity of vWF and MMP-2 of EC on the surface-functionalized PCL samples

In order to further investigate the thrombogenicity of endothelialized surfaces, we per‐
formed real-time PCR tests and protein immunoblotting on factors that mediate platelet ad‐
hesion to ECs. The expression of von Willebrand factor (vWF) on endothelial cells promotes
platelet adhesion and high or abnormal expression of vWF has been implicated in pathologi‐
cal conditions such as thrombosis [58]. Matrix metalloproteinase-2 (MMP-2) is another factor
known to be involved in platelet aggregation, as well as to have important roles in the deg‐
radation and remodeling of the endothelial extracellular matrix [59, 60]. 7 days after the
seeding of ECs, the relative expression of both vWF and MMP-2 mRNA in the EC on both
PCL-g-P(GMA)1-c-gelatin and PCL-g-P(GMA)2-c-gelatin surfaces were downregulated
when compared to the ECs on PCL-g-P(GMA) surfaces and gelatin-coated coverslips (Fig.
14a and 14c). Immunoblotting of the vWF protein produced in ECs, also, suggest that it is
lower in ECs on PCL-g-P(GMA)- c-gelatin surfaces in comparison to PCL-g-P(GMA) surfa‐
ces but differed where the vWF expression of ECs on the pristine PCL surface and gelatin-
coated coverslip could not be detected (Fig. 14b). Nevertheless, these results suggest that
pro-thrombogenic factors could be increased on bare PCL-g-P(GMA) surfaces and the conju‐
gation of gelatin could help to reduce thrombogenicity.

Advances in Biomaterials Science and Biomedical Applications198

Figure 14. Real-time qPCR revealed that the expression of (a) vWF and (c) MMP-2 in ECs on PCL-g-P(GMA)-c-gelatin
surfaces is lower when compared to PCL-g-P(GMA) surfaces and gelatin-coated coverslips. Expression levels are nor‐
malized using the housekeeping gene rpl27 and taken relative to ECs on pristine PCL (dotted line) (mean ± SD, n=3).
Endothelial cells treated with TNF-αfor 6 h were used as a positive control for the expression of both genes. (c) Immu‐
noblotting of vWF protein expressed in ECs on PCL-g-P(GMA)-c-gelatin is also reduced when compared to PCL-g-
P(GMA) surfaces, thus corroborating the real-time PCR results.

4. Conclusion

This study described the successful biofunctionalization of PCL substrates with tunable sur‐
face densities of covalently-immobilized gelatin by surface-initiated ATRP of glycidyl meth‐
acrylate (GMA). Kinetics studies revealed that the grafting yield of the functional P(GMA)
brushes increased linearly with polymerization time, and the amount of immobilized gelatin
increased with the concentration of epoxide groups on the P(GMA) brushes. The significant
improvement in the adhesion and proliferation of ECs on the gelatin-immobilized PCL sub‐
strates were found to be positively correlated to the amount of covalently immobilized gela‐
tin. Blood compatibility tests demonstrated that the ECs cultured on the gelatin-
immobilized-P(GMA) surfaces exhibited low platelet activation and significantly increased
nitric oxide (NO) production, although the coagulation pathways were not affected both be‐
fore and after EC coverage. Overall, the high surface-density of immobilized gelatin ob‐
tained by surface-initiated ATRP on the PCL surfaces is favorable for EC attachment and
proliferation. The attached ECs maintained an unactivated and non-thrombogenic pheno‐
type that mimics the EC lining of a healthy blood vessel. Hence, such a surface may have
huge potential for vascular graft applications.
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1. Introduction

Cell adhesion is a dynamic process that results from specific interactions between cell sur‐
face molecules and their appropriate ligands. Adhesion can be found between adjacent cells
(cell-cell adhesion) as well as between cells and the extracellular matrix (ECM) (cell-matrix
adhesion). Adhesion is an extremely important concept in both practical and theoretical
terms. Unfortunately, there is no completely satisfactory definition of the term that fulfils
the needs of both the theoretical surface chemist and the practicing technologist. It is as‐
sumed as a state in which two bodies (usually, but not necessarily dissimilar) are held to‐
gether by intimate interfacial contact in such a way that mechanical force or work can be
applied across the interface without causing the two bodies to separate.

Cell membrane are crucial to the adhesion of the cell and therefore to its life. Indeed, plasma
membrane encloses the cell, defines its boundaries, and maintains the essential differences
between the cytosol and the extracellular environment. In all cells the plasma membrane al‐
so contains proteins that act as sensors of external signals, allowing the cell to change its be‐
havior in response to environmental cues; these receptors transfer information rather than
ions or molecules across the membrane. Plasma membrane has the structure of a thin film of
lipid and protein molecules linked together mostly through non covalent interactions. These
lipid molecules are arranged as a continuous bilayer and are responsible for the basic struc‐
ture of the membrane and the protein molecules embedded into it control most of the func‐
tions of the membrane. In the plasma membrane some proteins serve as structural links that
connect the membrane to the cytoskeleton and/or to either the extracellular matrix (ECM) or
an adjacent cell, while others serve as receptors to detect and transducer chemical signals in
the cell’s environment [1].
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Besides keeping a multicellular organism together, cell adhesion is also a source of specific
signals to adherent cells; their phenotype can thus be regulated by their adhesive interac‐
tions. In fact, most of the cell adhesion receptors were found to be involved in signal trans‐
duction. By interacting with growth factor receptors they are able to modulate their
signaling efficiency. Therefore, gene expression, cytoskeletal dynamics and growth regula‐
tion all depend, at least partially, on cell adhesive interactions [2].

In this chapter, I tried to find a possible correlation between polyelectrolyte multilayer films
and human gingival fibroblasts to test these biomaterials biocompatibility. This represents a
fundamental step needed to know about a possible use in a biological field (i.e. as implant).
For that purpose, I characterized each solid surface used as a surface on which fibroblasts
were cultured; by calculating their surface free energy and evaluating their chemical hetero‐
geneity, roughness and wettability using contact angle measurement. Thereafter, I followed
the adhesion of fibroblasts, their proliferation and their morphology.

2. Polyelectrolyte multilayer film

2.1. Biomaterials: Generality and interest

During a consensus conference in 1986, a definition was given for biomaterials. Indeed, a bi‐
omaterial is «a non-living material used and designed to be integrated with biological sys‐
tems». Biomaterials are defined according to their domain of use and regroup metals and
alloys, ceramics, polymers (i.e. collagen)[3].

Biomaterials were used since the pharaoh’s time to replace injured and affected organs.
Pharaoh had used pure natural materials but presenting integration’s problems. Since that,
researches had grown up rapidly in this field in order to design the “ideal” material which
will be more accepted by the human body. The designed material was referred to as “bioma‐
terial” afterwards and will recover a lot of biomedical applications for implants and tissues
injuries covering.

Biomaterials’ design must take into account the purpose and the place of its use. This bioma‐
terial must have a well defined shape depending on his position within the body. Indeed,
for orthopedic usage, a biomaterial must conform to some criteria and regulations such as: a
good mechanical structure, a good resistance to corrosion and metal fatigue. For vascular
surgery, a biomaterial must not induce thrombosis, in odontology a biomaterial must with‐
stand changes that can occur to temperature (coffee, cool drinks), to pH (alcohol, lemon…)
and to the buccal cavity [4].

Making reliable and cheap biomaterials is being a new challenge for researchers and indus‐
tries. In fact, the infallibility of every biomaterial depends on the materials from which it’s
made of. Consequently, there’s a great demand in developing new suitable biomaterials (or
making the existing ones better) used in multidisciplinary fields and involving physics,
chemistry and biology.

Advances in Biomaterials Science and Biomedical Applications208
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In this study, the biomaterials used for fibroblasts adhesion are made of polyelectrolytes us‐
ing the layer-by-layer technique based on alternating oppositely charged polyelectrolytes on
glass probes (more details are shown in paragraph III.2).

2.2. Polyelectrolytes

Polyelectrolytes are highly charged nanoscopic objects or macromolecules. Their electric
charge density appears as more or less continuous, when it is seen from distances to the
macromolecule equal to several times to the intercharge distance, giving them the polyelec‐
trolytic character. Obviously, their properties will be extremely different according to their
geometry. Massive spherical objects will behave like colloids, whereas linear flexible objects
will keep some of the macromolecular polymeric character [5]. They are defined as materials
for which the solution’s properties in dissolvent presenting a high permittivity are governed
by electrostatic interactions for distances superior to the molecular dimensions [6]. Polyelec‐
trolytes are by no way a mere superposition of electrolytes and polymers properties. New
and rather unexpected behaviours are observed:

• Whereas polymers exhibit only excluded volume effects, the long ranged coulomb inter‐
actions, which are present in polyelectrolytes, give rise to new critical exponents.

• The main difference with electrolytes is that one kind of ions, the counterions are stuck
together along a chain, and the collective contribution of the charged monomers causes a
strong field in the vicinity of the chain, even at very low dilution.

These materials are widely used in industries as dispersive substances in aqueous medium,
flocculants to aggregate sludge and industrial waste. Recently, they were used to make films
by alternating thin layers of polymers of medical use such as dental prosthesis, fabrication
of transplantable organs etc…

Polymers differ by their structure, their surface composition and their biological properties:

2.2.1. Biological properties

The biological properties reflect the origin of polymers. Indeed, one can distinguish three
different origins for polymers [7]:

• Natural polymers coming from animal, vegetal and mineral origins

• Artificial polymers with natural basic components and chemically transformed functions
in their units (monomers)

• Synthetic polymers presenting synthetic basic components which are often very similar to
those of natural polymers

2.2.2. Physico-chemical properties

According to Oudet [7], polymers have different physical properties. The most important
are their thermal conductivity reflecting polymers’ behaviour under temperature changes.

Cell Adhesion to Biomaterials: Concept of Biocompatibility
http://dx.doi.org/10.5772/53542

209



The second interesting physical property is their optical reactions towards light (refraction,
reflection angle, polarization, absorption…). Moreover, polymers are characterized by their
ability as electrical conductors or insulators.

From the chemical point of view, Fowkes [8] presumed the existence of different polymers
surface structure: polymers with polar surfaces (polyethylene), polymers with acid (polyi‐
mide) or basic (polystyrene) sites dominance and others are regrouping both acid and basic
characters (polyamide). These surfaces are governed by specific (dispersive forces attraction)
and non-specific interactions (acid-base interaction).

Polymers properties are strongly influenced by molecular interactions such as Van der
Waals interactions (low energy bonds), hydrogen interactions (low energy bonds having an
electrostatic origin) and ionic interactions due to electrostatic attractions and repulsions be‐
tween ions or ionized groups.

2.3. Polyelectrolyte multilayer film

2.3.1. Generality

In recent years, polyelectrolyte multilayer film has been widely developed in different fields
and for a variety of purposes. This kind of ultrathin film can be fabricated from oppositely
charged polyelectrolytes using a method called self-assembly discovered by Decher and co-
workers in 1992 and allows surface modification and therefore controlling their properties at
the molecular (or even the atomic) level.

These films are of a great interest for covering biomaterials used as implants [9, 10] and
therefore they will be in contact with cells [11]. Layer-by-layer assembly of polyelectrolytes
is a simple and suitable method for coating different substrates such as glass, silicon, ther‐
moplastic and even curved surfaces [12, 13].

It’s known that biomaterials must present two main conditions to be admitted for integra‐
tion in the biological system: to be biocompatible with this system and to have definite me‐
chanical and electrical properties depending on their use [14]. The next implants generation
has a tendency to be bioactive, besides its biocompatibility, thanks to substrate coating with
bioactive substances.

2.3.2. Fabrication method and application fields

Multilayer polyelectrolyte films are made by alternating oppositely charged polyelectrolytes
(polyanions and polycations) on glass slides (Figure 1).

Film’s formation is based on charge overcompensation of the newly adsorbed polyions. In‐
deed, a polyanion (negative charge) added to a polycation (positive charge), previously de‐
posited on the substrate, will neutralise the excess of positive charges and therefore create a
new negatively charged polyelectrolyte layer. This step can be repeated as many times as
the needed number of layers is reached [15].
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Figure 1. Layer-by-layer polyelectrolyte film’s fabrication. This assembly method is based on alternating oppositely
charge polyanion (positive charge) and polycations (negative charge) on a solid substrate. One bilayer consists in one
polycation associated with one polyanion and the film is a set of n bilayers.

This adsorption mechanism is governed by electrostatic interactions which represent, be‐
sides other secondary interactions (hydrogen bond or dispersive force), a paramount param‐
eter for the final structure of the formed film [16].

Polyelectrolyte multilayer films are used in different fields: orthopedic surgery (hip prosthe‐
sis...), cardiovascular (artificial heart, vascular prosthesis...), odontology (dental restora‐
tion...), ophthalmology (contact lenses...), urology (catheters, artificial kidney...),
endocrinology (artificial pancreas, biosensors...), aesthetic surgery and other domains [17].

2.4. Polyelectrolyte film surface characterization

This study is possible by investigating surface wettability and calculating surface free ener‐
gy. Indeed, wettability is the aptitude of a substrate to be coated by a thin liquid film while
dipped in a liquid solution. This method is used to follow the substrate behaviour in relation
to its environment and can be done thanks to the contact angle measurement. In this paper
we are interested in the dynamic contact angle method using Wilhelmy plate method, treat‐
ed later. This method, besides giving information about substrate surface hydrophilicity and
hydrophobicity, allows us to evaluate the surface roughness and chemical heterogeneity.
Moreover, with the results found, we measured the polyelectrolyte film’s surface free ener‐
gy according to Van Oss theory.

2.4.1. Contact angle measurement

There are  a  variety of  simple  and inexpensive techniques  for  measuring contact  angles,
most of which are described in detail in various texts and publications and will be men‐
tioned only briefly here. The most common direct methods (Figure 2) include the sessile
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drop (a),  the captive bubble (b) and the tilting plate (c).  Indirect methods include tensi‐
ometry  and  geometric  analysis  of  the  shape  of  a  meniscus.  For  solids  for  which  the
above  methods  are  not  applicable,  such  as  powders  and  porous  materials,  methods
based  on  capillary  pressures,  sedimentation  rates,  wetting  times,  imbibition  rates,  and
other properties, have been developed [18].

Figure 2. The more common systems of contact angle measurement showing the sessile drop (a), the captive bubble
(b) and the tilting plate (c). θ is the contact angle to be measured.

2.4.1.1. The sessile drop method

It’s a static contact angle measurement method which consists in putting down a liquid drop
on the solid plate we want to characterize its surface by measuring the contact angle made
by the drop on this surface. Indeed, when a drop of a liquid is putted down on a solid sur‐
face; three phases system occurs: solid, liquid and gas (Figure 3).

Figure 3. Static contact angle measurement with the sessile drop method
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The drop’s profile is being changed depending on the physico-chemical characters of the
solid  surface,  on  the  adhesion forces  newly  created at  the  interface  solid/liquid  and on
the cohesion forces of  the liquid.  This change will  affect  the contact  angle value reveal‐
ing the surface state (hydrophobic or hydrophilic, rough or smooth, homogeneous or het‐
erogeneous…) and the different forces occurred are linked together according to Young’s
equation [19]:

γsv =γsl + γlvcosθ,

Where γsv, γsl and γlv represent the “surface tensions” of the interface solid/gas, solid/liquid
and liquid/gas, respectively, and θ represents the contact angle.

2.4.1.2. The captive bubble method

It’s a derivative of the sessile drop method and consists in making an air bubble (or a bubble
from a less dense and non miscible liquid such as dodecane, octane and octadecane) on a
solid surface immersed in pure water or in other liquid with a well known physico-chemical
characters. So, it’s possible to measure the contact angle made by this bubble with the im‐
mersed solid surface (see Figure 2).

2.4.1.3. The tilting plate method

The tilting plate method is to slowly tilt a contact angle sample until the sessile drop on it
begins to move in the downhill direction. At that time, the downhill contact angle is the ad‐
vancing angle and the uphill angle the receding contact angle [20].

The principal alternative to the tilting plate method is having the dispense needle remain
immersed in the sessile drop and pumping in until the drop expands in base area and
pumping out until the drop contracts in base area. Often the tilting plate measurement is
carried out on an instrument with a mechanical platform that tilts the stage and the camera
together.

It has been shown that these methods are a subject of controversy. However, the dynamic
contact angle measurement using the Wilhelmy plate method has been shown to be easier
for use and gives more information about the surface characterized.

2.4.1.4. The dynamic contact angle method: The tensiometer

In our study, we used the Wilhelmy plate method (Tensiometer 3S, GBX, France) which al‐
lows a dynamic measurement of the contact angle hysteresis. Indeed, the tensiometer used
for the measurement will measure the force applied to the substrate while immerged in a
liquid thanks to a balance where the substrate was hanged (Figure 4)

In  each  case,  the  polyelectrolyte  film  coated  glass  slide  was  immersed  into  and  then
drawn out  of  the  measurement  liquid.  Therefore,  the  tensiometer  will  evaluate  the  ad‐
vancing  angle  (θa)  when the  liquid  moves  forward the  substrate  surface  and thereafter
the  receding  angle  (θr)  when  the  liquid  resorbs  from  the  substrate.  The  difference  be‐
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tween θa and θr is called contact angle hysteresis H (H = θa - θr) and is useful for under‐
standing  the  wettability  of  the  film.  It  gives  us  information  about  the  surface  film
mobility, its reorganization and roughness [21].

Figure 4. The Wilhelmy plate method for dynamic contact angle measurement. The surface plate is partially im‐
merged in the up down moving liquid container. Curves (Loops) are automatically drawn by a software associated to
the Tensiometer according to F = f (Immersion depth)

When a substrate is immersed in a liquid, three forces occur (see Figure 4): the gravity force,
the upthrust buoyancy and the capillary forces. Therefore, by measuring the applied force
according to the immersion depth and as we previously know the dimension of the sub‐
strate; one can calculate the wetting forces according to the equation [22]:

F= mg + p * γLV * cos θ− Fb (1)

Where F represents the force measured (mN/m), m is the substratum mass, g is the accelera‐
tion constant induced by the gravity, p is the substratum perimeter (cm2), γLV is the surface
free energy (mN/m) of the liquid used for measurement (constant), θ: the contact angle be‐
tween the liquid and the substratum (°) and Fb is the force related to the upthrust buoyancy.

Usually,  we make several  immersion/emersion cycles for the substratum we are investi‐
gating and the  different  loops  (one  loop corresponds to  one  immersion/emersion cycle)
are drawn by a software associated to the Tensiometer according to Force = f ( immer‐
sion depth). Moreover, the substratum weight is assumed to be nil by a direct correction
fixing  the  pre-immersion  force  to  the  value  of  zero.  Therefore,  the  previous  equation
([Eq. 1]) becomes:

F(zero immersion)= p * γLV*cosθ
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merged in the up down moving liquid container. Curves (Loops) are automatically drawn by a software associated to
the Tensiometer according to F = f (Immersion depth)

When a substrate is immersed in a liquid, three forces occur (see Figure 4): the gravity force,
the upthrust buoyancy and the capillary forces. Therefore, by measuring the applied force
according to the immersion depth and as we previously know the dimension of the sub‐
strate; one can calculate the wetting forces according to the equation [22]:

F= mg + p * γLV * cos θ− Fb (1)

Where F represents the force measured (mN/m), m is the substratum mass, g is the accelera‐
tion constant induced by the gravity, p is the substratum perimeter (cm2), γLV is the surface
free energy (mN/m) of the liquid used for measurement (constant), θ: the contact angle be‐
tween the liquid and the substratum (°) and Fb is the force related to the upthrust buoyancy.

Usually,  we make several  immersion/emersion cycles for the substratum we are investi‐
gating and the  different  loops  (one  loop corresponds to  one  immersion/emersion cycle)
are drawn by a software associated to the Tensiometer according to Force = f ( immer‐
sion depth). Moreover, the substratum weight is assumed to be nil by a direct correction
fixing  the  pre-immersion  force  to  the  value  of  zero.  Therefore,  the  previous  equation
([Eq. 1]) becomes:

F(zero immersion)= p * γLV*cosθ
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As the surface energy of the liquid of measurement is previously known, therefore the con‐
tact angle could be deduced.

It has been shown that the contact angle changes depending on the nature of the film and on
its charges and thickness. The nature of liquid of measurement, the speed and temperature
of measurement are also involved in this change [23]. Indeed, the thickness of the film can
affect its elasticity which will induce a difference in the liquid diffusion into this film and
therefore the film’s swelling level changes affecting the contact angle. A previous study
made by Elbert et al.[24] has shown a clear effect of the film layers’ number on the wettabili‐
ty of the film.

The liquid used for measurement can affect the surface wettability by the mean of its pH
which varies from a liquid to another and controls the acid or base character as well as the
liquid polarity. These parameters are responsible for the rearrangement of the biomaterial’s
groups at its contact. This reorganization is also depending on the liquid diffusion into the
polymer and on the effect of solubilization induced by the liquid to this polymer. This phe‐
nomenon represents an interesting mechanism for explaining contact angle hysteresis espe‐
cially when the liquid concerned is water. Indeed, water has small molecules which allow it
to diffuse easily. Therefore, after diffusion into a polymer, water will confer its hydrophilic
character to this polymer which is being to have some kind of elasticity responsible for the
reorganization of its polar groups as a reaction to the high surface energy level of water
which is responsible for the high energy level at the interface [25]. Concerning the dynamic
contact angle measurement speed, it affects the contact period between the biomaterial and
the liquid and therefore it will change the period of time needed for the rearrangement of
the surface polar groups during contact with the liquid. As each film has its own defined
reorganization time, therefore different contact angles were found for the same surface at
different measurement speeds. Moreover, every polymer has a defined glass transition tem‐
perature (Tg) able to induce a change on the surface wettability depending on the tempera‐
ture of measurement [26].

2.4.2. Surface free energy calculation

It’s interesting to know the value of surface free energy of a biomaterial because it has an
effect on wettability as shown by Van Oss [27]. While the contact between the biomaterial
and the liquid generates an interface solid/liquid which will consume, during its formation,
a defined energy called the interface energy. The reversible adhesion force represents, there‐
fore, the difference in the energy level between the initial state characterized by two surfaces
[28, 29]: solid surface with the energy (γs) and liquid surface with the energy (γl); and the
final state (γsl).

The surface free energy is a kind of an attraction force of the surface which cannot be meas‐
ure directly but calculated after contact angle measurement in different measurement liq‐
uids (with different surface free energies) according to Owends et Wendt or Van Oss’
approaches. Their theories are complementary but Van Oss’ approach has been shown to
give more information. It consists in the following equation [27]:
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γS =γS LW +  2 (γS +.γS −)½

where γS represents the surface free energy of the biomaterial surface, γS
WL : the dispersive

component and γS
+, γS

- represent the polar components (acid- base).

The different components of the solid and the liquid surface free energies as well as the con‐
tact angle are related by this equation:

γL (1 +  cosθ) =  2 ((γS LW .γL LW )½ +  (γS +.γL −)½ +  (γL +.γS −)½),

This equation contains three unknown parameters: γ LW, γ + and γ -; the contact angle meas‐
urement must be done with three different measurement liquids in order to solve this equa‐
tion and calculate the surface free energy of our polyelectrolyte film. For this purpose, we
used three different liquids: water, diiodomethane and formamide.

2.4.3. Evaluation of the surface roughness and heterogeneity

Theses parameters are deduced from the shapes of the curves drawn (loops). Indeed, the
more the surface is rough; the more the curve is deformed (non linear curve). However, the
more the surface is smooth; the more the curve presents a linear shape (no deformations ob‐
served). Otherwise, a roughness of about 100 nm has been shown to induce contact angle
hysteresis. As for surface heterogeneity, it can be concluded from the different contact angle
hysteresis values measured in the case of a negligible roughness.

Concerning the different polyelectrolyte films used in this study, a previous investigation
was made by Picart and coworkers [30]. They measured the roughness by the AFM tech‐
nique,  refractive  index  and  thickness  are  estimated  by  optical  waveguide  light  mode
spectroscopy,  and  zeta  potential  is  measured  by  streaming  potential  measurements.  In‐
deed, these parameters give us information about the chemical heterogeneity of the poly‐
electrolyte used.

Many studies had observed an important dependence of the contact angle hysteresis on
the surface composition and topography (roughness) [31, 32]. Therefore, the more the sur‐
face is rough; the more it’s hydrophilic and vise versa and the more this surface is com‐
posed  of  small  molecules,  the  less  the  liquid  diffusion  in  the  biomaterial  surface  is
disturbed leading to a low contact angle value. According to Morra et al.[33], this is may
be due to existence of  two different effects  while studying the wettability of  rough and
homogeneous biomaterials:  the  barrier  effect,  where  hysteresis  increases  with increasing
the surface roughness due to an important rigidity of the substrate, and the capillary at‐
traction at the surface which can affect Young’s concept. Indeed, the capillary effect indu‐
ces an increase of both the advancing and receding contact angles in the case of a surface
presenting a  contact  angle superior  to  90°  at  the equilibrium state.  In the opposite  case
(contact  angle inferior to 90° at  the equilibrium state),  the inverse situation will  happen
and the contact  angle  variations will  be  less  important  than those corresponding to  the
barrier effect. Only in the case of a contact angle equals to 90°, the capillary effect is neg‐
ligible.
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2.5. Conclusion

When a drop of  liquid is  placed on a solid surface,  the liquid will  either spread across
the surface to form a thin, approximately uniform film or spread to a limited extent but
remain as a discrete drop on the surface. The final condition of the applied liquid to the
surface is taken as an indication of the wettability of the surface by the liquid or the wet‐
ting ability of the liquid on the surface. The quantitative measure of the wetting process
is  taken  to  be  the  contact  angle,  which  the  drop  makes  with  the  solid  as  measured
through the liquid in question.

The wetting of a surface by a liquid and the ultimate extent of spreading of that liquid
are very important aspects of practical surface chemistry. Many of the phenomenological
aspects of  the wetting processes have been recognized and quantified since early in the
history of observation of such processes. However, the microscopic details of what is oc‐
curring at the various interfaces and lines of contact among phases has been more a sub‐
ject  of  conjecture  and  theory  than  of  known  facts  until  the  latter  part  of  this  century
when  quantum  electrodynamics  and  elegant  analytical  procedures  began  to  provide  a
great deal of new insight into events at the molecular level. Even with all the new infor‐
mation of  the last  20 years,  however,  there still  remains a great  deal  to learn about the
mechanisms of movement of a liquid across a surface.

3. Fibroblast cells

3.1. Human gingival fibroblasts

3.1.1. Generality

Fibroblasts are spindle-shaped connective-tissue cells of mesenchymal origin that secretes
proteins and especially molecular collagen from which the extracellular fibrillar matrix of
connective tissue forms.  They have oval or circular nucleus and a little  developed cyto‐
plasm giving rise to long prolongation forms [34]. These cells do not have a basal lamina
and their  surfaces  are  often  in  contact  with  the  fibers  of  the  collagen.  Their  cytoplasm
contains  a  rough  endoplasmic  reticulum,  an  important  Golgi  apparatus,  few mitochon‐
dria  and  a  little  bit  quantity  of  cytoplasmic  filaments.  Fibroblasts  synthesize  enormous
quantities of the extracellular matrix constituents. Indeed, the majority part of the extrac‐
ellular  matrix components consists  of  collagen made in the intracellular  space where fi‐
broblasts sustain structural modifications.

3.1.2. Gingival tissue

It’s the tissue that surrounds the necks of teeth and covers the alveolar parts of the jaws;
broadly: the alveolar portion of a jaw with its enveloping soft tissues [35]. It consists in a
pink connective tissue with fibrous collagen surrounded by an epithelial tissue. Its pink col‐
or changes from one person to another, depending on pigmentation, epithelium thickness,
its keratinization level and on the underlying vascularization [36]. Fibroblasts are the basic
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component of the gingival chorion whose intercellular matrix is essentially formed by colla‐
gen and elastin.

3.2. Cell-Biomaterial: Interface and interactions

3.2.1. Biocompatibility concept

While a cell is in contact with a biomaterial, many reactions can occur and a sensing phe‐
nomenon will launch between this cell and the biomaterial [37]. Indeed, the cell has a signal
network reached as a result of the surface exploration and sensing made in order to verify
whether the new environment (biomaterial) is in accordance with its expected physiological
conditions necessary for a normal biological activity [38]. Thus, before putting a new materi‐
al in contact with a cell it’s of a great importance to choose the corresponding material in
such a way that this material obey the cell’s norm by not being toxic or injurious and not
causing immunological rejection. In one word, this material must be biocompatible.

The biological tolerance of a biomaterial led scientists to regroup the different parameters
and mechanisms controlling the interface biomaterial/cell (or tissue) so that they can deduce
a concrete and a common definition for biocompatibility concept. Indeed, biocompatibility
includes the understanding of the interactive mechanisms relating the biomaterial with its
biological environment. Generally, biocompatibility represents the ability of a material to be
accepted by a living organism.

In 1987,  Williams D.F suggested the following definition «biocompatibility  is  the ability
of a material to be used with an appropriate and suitable reaction of the host for a spe‐
cific application».

According to Exbrayat [39] « biocompatibility is a set of the different interrelations between
a biomaterial and its environment, and their biological local or general consequences, imme‐
diate or delayed, reversible or definitive».

Indeed, biocompatibility is a group of networks that liaises between the biomaterial and its
environment and takes into account the possible effect of this biomaterial on its environ‐
ment and vice versa. Interactions existing in the interface biomaterial/biological environ‐
ment differ by their intensity and their duration period depending both on the biomaterial
and on the tissue in contact.

Characterizing the surface properties of a biomaterial before putting it in contact with a cell
seems to be an obligation. This step allows us to know about different parameters and char‐
acters of this biomaterial (topography, roughness, surface energy etc.) in order to find a cor‐
relation with the cell behavior and therefore we can adjust these physico-chemical
properties, when making the biomaterial, so that we have a normal and physiological cell
behavior in contact with that biomaterial.

Advances in Biomaterials Science and Biomedical Applications218



component of the gingival chorion whose intercellular matrix is essentially formed by colla‐
gen and elastin.

3.2. Cell-Biomaterial: Interface and interactions

3.2.1. Biocompatibility concept

While a cell is in contact with a biomaterial, many reactions can occur and a sensing phe‐
nomenon will launch between this cell and the biomaterial [37]. Indeed, the cell has a signal
network reached as a result of the surface exploration and sensing made in order to verify
whether the new environment (biomaterial) is in accordance with its expected physiological
conditions necessary for a normal biological activity [38]. Thus, before putting a new materi‐
al in contact with a cell it’s of a great importance to choose the corresponding material in
such a way that this material obey the cell’s norm by not being toxic or injurious and not
causing immunological rejection. In one word, this material must be biocompatible.

The biological tolerance of a biomaterial led scientists to regroup the different parameters
and mechanisms controlling the interface biomaterial/cell (or tissue) so that they can deduce
a concrete and a common definition for biocompatibility concept. Indeed, biocompatibility
includes the understanding of the interactive mechanisms relating the biomaterial with its
biological environment. Generally, biocompatibility represents the ability of a material to be
accepted by a living organism.

In 1987,  Williams D.F suggested the following definition «biocompatibility  is  the ability
of a material to be used with an appropriate and suitable reaction of the host for a spe‐
cific application».

According to Exbrayat [39] « biocompatibility is a set of the different interrelations between
a biomaterial and its environment, and their biological local or general consequences, imme‐
diate or delayed, reversible or definitive».

Indeed, biocompatibility is a group of networks that liaises between the biomaterial and its
environment and takes into account the possible effect of this biomaterial on its environ‐
ment and vice versa. Interactions existing in the interface biomaterial/biological environ‐
ment differ by their intensity and their duration period depending both on the biomaterial
and on the tissue in contact.

Characterizing the surface properties of a biomaterial before putting it in contact with a cell
seems to be an obligation. This step allows us to know about different parameters and char‐
acters of this biomaterial (topography, roughness, surface energy etc.) in order to find a cor‐
relation with the cell behavior and therefore we can adjust these physico-chemical
properties, when making the biomaterial, so that we have a normal and physiological cell
behavior in contact with that biomaterial.

Advances in Biomaterials Science and Biomedical Applications218

3.2.2. Cell adhesion

It is well known that during the contact between a cell and a material, information will be
transferred from the material surface to the cell and this contact will induce, in return, an
alteration to the material. This situation may cause material remodelling [40,22].

Cells adhere to surfaces through adhesion proteins (i.e. fibronectin, collagen, laminin, vitro‐
nectin) using specific cell receptors, called integrins, attached to the cell membrane. Indeed,
when fibroblasts grow on a substrate, most of their cell surface is separated from the sub‐
stratum by a gap of more than 50 nm; but at focal contacts, this gap is reduced to 10 to 15
nm. The main transmembrane linker proteins of focal contacts belong to the integrin family
and the cytoplasmic domain of the integrin binds to the protein talin, which in turn binds to
vinculin, a protein found also in other actin-containing cell junction. Vinculin associates
with α-actinin and is thereby linked to an actin filament [1].

Besides their role as anchors, focal contacts can also relay signals from the extracellular ma‐
trix (ECM) to the cytoskeleton. Several protein kinases are localized to focal contacts and
seems to change their activity with the type of the substratum on which the rest. These kin‐
ases can regulate the survival, growth, morphology, movement, and differentiation of cells
in response to new environment. Figure 5 shows a possible arrangement of these different
proteins during a focal contact.

Figure 5. Adhesion proteins involved in focal contacts

The formation of focal contacts occurs when the binding of matrix glycoprotein, such as fi‐
bronectin, on the outside of the cell causes the integrin molecules to cluster at the contact
site. Fibronectins are associated together by proteoglycans and constitute thins fibers of the
extracellular matrix (ECM).

Cell Adhesion to Biomaterials: Concept of Biocompatibility
http://dx.doi.org/10.5772/53542

219



3.2.2.1. Extracellular matrix

The extracellular matrix (ECM) represents an important element in the processes of cell ad‐
hesion. Indeed, at this level, cell adhesion is under the control of a well defined zone in the
cytoplasmic membrane called focal contact. At this zone, filaments of actin are linked to fi‐
bronectin through an intracellular complex of proteins, the adherence complex. The extracel‐
lular matrix (ECM) is made of different proteins such as fibronectins, collagen, laminin,
vitronectin [41] and represents the mediator of cell adhesion thanks to its integrins.

Although the extracellular matrix generally provides mechanical support to tissues, it serves
several other functions as well. Different combinations of ECM components tailor the extrac‐
ellular matrix for specific purposes: strength in a tendon, tooth, or bone; cushioning in carti‐
lage; and adhesion in most tissues. In addition, the composition of the matrix, which can
vary, depending on the anatomical site and physiological status of a tissue, can let a cell
know where it is and what it should do (environmental cues). Changes in ECM components,
which are constantly being remodeled, degraded, and resynthesized locally, can modulate
the interactions of a cell with its environment. The matrix also serves as a reservoir for many
extracellular signalling molecules that control cell growth and differentiation. In addition,
the matrix provides a lattice through or on which cells can move, particularly in the early
stages of tissue assembly [42].

Many functions of the matrix require transmembrane adhesion receptors that bind directly
to ECM components and that also interact, through adapter proteins, with the cytoskeleton.
The principal class of adhesion receptors that mediate cell–matrix adhesion are integrins, a
large family of αβ heterodimeric cell surface proteins that mediate both cell–cell and cell–
matrix adhesions and inside-out and outside-in signalling in numerous tissues.

3.2.2.2. Adhesion proteins and receptors in fibroblast cells

Different proteins and their receptors are involved in fibroblast cells adhesion process. The
most important and known are fibronectins and their receptors; integrins:

• Fibronectins

Fibronectins are dimers of two similar polypeptides linked at their C-termini by two di‐
sulfide bonds; each chain is about 60–70 nm long and 2–3 nm thick. The combination of
different repeats composing the regions, another example of combinatorial diversity, con‐
fers on fibronectin its ability to bind multiple ligands [40].

Fibronectins help attach cells to the extracellular matrix by binding to other ECM compo‐
nents, particularly fibrous collagens and heparan sulfate proteoglycans, and to cell sur‐
face adhesion receptors such as integrins. Through their interactions with adhesion
receptors (e.g., α5β1 integrin), fibronectins influence the shape and movement of cells and
the organization of the cytoskeleton. Conversely, by regulating their receptor-mediated
attachments to fibronectin and other ECM components, cells can sculpt the immediate
ECM environment to suit their needs.

• Integrins
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Integrins are the principle adhesion receptors; a large family of αβ heterodimeric cell sur‐
face proteins that mediate both cell–cell and cell–matrix. They are transmembrane pro‐
teins that mediate interactions between adhesion molecules on adjacent cells and/or the
extracellular matrix (ECM). They have diverse roles in several biological processes includ‐
ing cell migration during development and wound healing, cell differentiation, and apop‐
tosis. Their activities can also regulate the metastatic and invasive potential of tumor cells.
They exist as heterodimers consisting of alpha and beta subunits. Some alpha and beta
subunits exhibit specificity for one another, and heterodimers often preferentially bind
certain cell adhesion molecules, or constituents of the ECM.

Although they themselves have no catalytic activity, integrins can be part of multimolecu‐
lar signalling complexes known focal adhesions. The two subunits, designated as alpha
and beta, both participate in binding.

Figure 6. Fibronectin binding to its Integrin receptor (adapted from internet)

Integrins participate in cell-cell adhesion and are of great importance in binding and interac‐
tions of cells with components of the extracellular matrix such as fibronectin. Importantly,
integrins facilitate "communication" between the cytoskeleton and extracellular matrix; al‐
low each to influence the orientation and structure of the other. It is clear that interactions of
integrins with the extracellular matrix can have profound effects on cell function, and events
such as clustering of integrins activates a number of intracellular signally pathways.

3.2.3. Cell adhesion: The physical process

Biological systems exhibit electromagnetic activity in a wide frequency range from the static
or quasistatic electric field to optical bands. Fröhlich [43] presumed that biological matter
has anomalous polarization properties (e.g. induction of great electric dipole after electric
field application). Static charge distribution of dipole and/or multipole nature exists (e.g. in
protein molecules). Vibrations in biological molecules, therefore, generate an electromagnet‐
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ic field [44]. Pokorny et al.[45], assume that the Fröhlich electromagnetic field can be a fun‐
damental factor of cell adherence.

Surface topography is of an important interest in cell adhesion as well as its chemical com‐
position. Indeed, it has been shown that cells adhere and proliferate depending on the sur‐
face roughness and the more the surface is rough the more cell adhesion and proliferation is
better [46]. This effect depends on the cell type. For fibroblasts, they line up along the bioma‐
terial surface microstructures and may adapt their shape with uneven surfaces.

Moreover, recent studies had shown that a weak change in the surface roughness may in‐
duce different cell reactions such as change in their shape and their way of adhesion [47, 48].

3.2.3.1. Forces involved in cell adhesion

According to Richards [49], cell adhesion to biomaterials is done thanks to focal adhesion
sites which represent strict contact sites with the substrate in a so limited space. For fibro‐
blasts, it has been shown the existence of a force called cohesion force responsible for keep‐
ing contact between cells themselves. However, this force is weaker than the adhesion force
involved while a cell adheres to a biomaterial. This difference in force level depends on the
cell type and on the nature of the biomaterial used for adhesion, and may explain the differ‐
ent ways of cell adhesion and spreading on different surface structures.

3.2.3.2. Surface free energy

Surface free energy is a thermodynamic measurement which contributes to the interpreta‐
tion of the phenomena occurring in interfaces. It has an important effect on cell adhesion in
the way that every change in its value induces the modification of the surface wettability,
and therefore cell behaviour will be affected too [50, 51, 52].

Cell-biomaterial interface depends on the physico-chemical properties of the biomaterial
and every change in the chemical composition or in the electric charge of the surface will
affect its surface free energy.

3.2.4. Parameters involved in cell adhesion

3.2.4.1. Surface roughness

Surface roughness has been the subject of many studies as a deciding factor in the process of
cell adhesion to biomaterials. Ponsonnet et al.[53] had studied the behaviour of fibroblast
cells while adhering to titanium surface with different roughness; they found that cells had
adhered to the surface using thin cytoplasmic structures. Indeed, these cells presented a flat‐
tened shape spreading practically over the substrate surface after adhesion to smooth surfa‐
ces. However, on rough surfaces, cell morphology was affected by the surface grooves and
they were reoriented by the surface structure.

According to Richards [48], smooth titanium surfaces always increase fibroblasts adhesion
and proliferation better than rough surfaces. They suggested that this kind of surfaces
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blasts, it has been shown the existence of a force called cohesion force responsible for keep‐
ing contact between cells themselves. However, this force is weaker than the adhesion force
involved while a cell adheres to a biomaterial. This difference in force level depends on the
cell type and on the nature of the biomaterial used for adhesion, and may explain the differ‐
ent ways of cell adhesion and spreading on different surface structures.

3.2.3.2. Surface free energy

Surface free energy is a thermodynamic measurement which contributes to the interpreta‐
tion of the phenomena occurring in interfaces. It has an important effect on cell adhesion in
the way that every change in its value induces the modification of the surface wettability,
and therefore cell behaviour will be affected too [50, 51, 52].

Cell-biomaterial interface depends on the physico-chemical properties of the biomaterial
and every change in the chemical composition or in the electric charge of the surface will
affect its surface free energy.

3.2.4. Parameters involved in cell adhesion

3.2.4.1. Surface roughness

Surface roughness has been the subject of many studies as a deciding factor in the process of
cell adhesion to biomaterials. Ponsonnet et al.[53] had studied the behaviour of fibroblast
cells while adhering to titanium surface with different roughness; they found that cells had
adhered to the surface using thin cytoplasmic structures. Indeed, these cells presented a flat‐
tened shape spreading practically over the substrate surface after adhesion to smooth surfa‐
ces. However, on rough surfaces, cell morphology was affected by the surface grooves and
they were reoriented by the surface structure.

According to Richards [48], smooth titanium surfaces always increase fibroblasts adhesion
and proliferation better than rough surfaces. They suggested that this kind of surfaces
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should be a better candidate for biological implant thanks to their ability to resist to bacterial
infections. Indeed, their weak roughness is unfavourable to the adhesion of bacteria.

3.2.4.2. The electric charge effect

In the majority of the studies carried out about biomaterials made from polyelectrolyte film,
as in our case, the electric charge effect is in proportion with the thickness of the film built
and depends on the charged functional group of the polyelectrolyte used [54].

For Andrade [25], the notion of the nature of an electric charge is important to be mentioned
but its effect is not significant and doesn’t induce an efficient change on surface wettability.
However, it has been shown that a better adhesion of cells was observed on negatively
charged polyelectrolyte [55]. In reality, most of the existed cells and their corresponding ad‐
hesion proteins are negatively charged. Nevertheless, this charge can be without any effect
in the case when functional groups become able to control cell adhesion mechanism by their
hydrophilic or hydrophobic character as it will be shown later in this text. Dubois [56] pre‐
sumed that an electric charge trapped within an insulating biomaterial, none associated to a
particular chemical group, is able to affect its biological environment. Moreover, Maroudas
[57] revealed the dependence of cell adhesion and spreading on a solid surface on the sur‐
face charge of the substrate.

3.2.4.3. Chemical composition

The different  chemical  components  of  a  biomaterial  must  be studied and known before
to start  investigating cell  adhesion to that biomaterial.  Therefore,  this step is  fundamen‐
tal for concluding about the biocompatibility of a given biomaterial and its effect on cell
adhesion [58].

The wettability of a surface depends on the chemical composition of the material and each
change than can occur at this level will disturb cell adhesion process [59]. Besides the effect
of the biomaterial, the adhered cell type plays an important role in adhesion. Indeed, for the
same biomaterial surface, different cell reactions were observed for two types of cells [60];
this kind of biomaterial seems to be biocompatible with one cell type but not tolerated by
the other cell type.

According to Marmur [61], most of the materials in the nature are rough and heterogeneous
and contact angle may change along the contact line with a value depending on the rough‐
ness and heterogeneity level.

3.2.4.4. Surface hydrophilicity and hydrophobicity

Contact angle measurement allows us to calculate surface free energy [62]. It also allows
knowing about  the polar  or  non polar  nature of  the interactions at  the interface liquid/
solid. Moreover, one can deduce from it the hydrophilic or the hydrophobic character of
a surface [63].
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A study about polyelectrolyte films found that hydrophobic interactions on a surface in‐
duce  the  adsorption  of  proteins  and  stabilise  the  complex  formed  [64].  Indeed,  it  has
been  proved  that  myoglobin  or  lysozymes  are  able  to  adhere  to  polystyrene  sulfonate
(PSS)  and form many layers.  However,  this  adhesion was  not  possible  when using an‐
other  surface  having  the  same  electric  charge  as  PSS  but  with  a  hydrophilic  character.
The  electrostatic  interactions  between  the  protein  complex  and  this  hydrophilic  surface
were easily destructed after water rinsing. Thus, surface hydrophilicity and hydrophobic‐
ity  are  a  determinant  parameter  for  substrate  wettability  on  account  of  the  rearrange‐
ment of  the functional  groups at  the surface of  a  biomaterial  in contact  with a  cell  [65,
66,  67].  Indeed,  it  has  been shown that  fibroblast  cells  adhere  and proliferate  better  on
biomaterials with a moderate hydrophilicity [68, 69].

Andrade [66] presumed that, in the case of deformable materials, an elasticity model of 3.5
105 dyn/cm2 is necessary for avoiding contact angle change. A roughness below 0.1 μm has a
negligible effect on contact angle. Most of the materials holding over than 20 to 30 % of wa‐
ter present a receding contact angle (θr), in water, near zero because of the hydrophilic char‐
acter which dominates the interface in these conditions. The same author estimated that the
majority of polymers have a changeable volume which can be the reason for contact angle
change: this change is depending on the duration of the contact with water, on the nature of
the liquid and on the temperature of measurement. Non existent contact angle hysteresis
may be due to the duration of contact between the material and the liquid which is shorter
or longer than the measurement time needed for recording contact angle change. Therefore,
surface hydrophilicity and hydrophobicity depends on the volume blowing of the material,
on the diffusion phenomenon and on the mobility and reorientation of the molecules on the
material surface.

Some materials are able to go out of shape in contact with a liquid depending on their me‐
chanical properties and on their relaxation time and temperature. So, what characterizes a
polymer is its chemical composition, roughness, mobility, wettability, surface free energy
and its electric charge [70].

3.2.4.5. Surface wettability: Contact angle hysteresis

Contact angle hysteresis is the result of contact angle change between the surface we are
characterizing and another ideal surface physico-chemically homogeneous. It’s the direct re‐
sult of a different sensitivity to the wettability process of heterogeneous surfaces. According
to Rupp et al.[71], the receding contact angle value (θr) is under the control of the small hy‐
drophilic particles of the surface which are able to disturb or to delay the non wettability
process. Indeed, when the hysteresis remains constant after many immersion and emersion
cycles it’s called thermodynamic (or true) hysteresis. However, in the opposite case, it’s
called kinetic hysteresis (see Figure 7).

Thermodynamic hysteresis is due to the surface roughness and heterogeneity. Nevertheless,
kinetic hysteresis is caused by the adsorption mechanisms (due to the liquid phase), surface
polar group’s reorientation and surface deformation [24].
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Figure 7. Immersion and emersion loops showing the two types of hysteresis: (A): thermodynamic hysteresis and (B):
kinetic hysteresis. The sample is repeatedly immersed in the liquid leading to typical hysteresis loops. From each loop,
wettability parameters (advancing and receding contact angle or wetting tension) can be calculated

Contact  angle  hysteresis  is  often  assigned  to  the  surface  roughness  and  heterogeneity.
Actually,  a  study made by Lam et  al.  [26],  have shown that  hysteresis  is  related to the
molecules’ mobility, the liquid diffusion and the surface swelling. These authors had ob‐
served a close dependence between the liquid molecules size and the liquid/material con‐
tact  duration.  Liquid  resorption  and  retention  are  the  direct  causes  of  hysteresis.
However,  as  the liquid surface free energy is  higher  that  that  of  the material;  therefore
the  liquid retention into  the  material  will  increase  the  material  surface  free  energy and
thus  reduces  the  receding  contact  angle  (θr).  Indeed,  liquids  having  smaller  molecular
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chains (or smaller molecular weight) diffuse faster into the polymer surface leading to an
important decrease in contact angle.

According to Shananan et al.[72], contact angle hysteresis is related to the polymer polarity.
Indeed, when a polymer gets in touch with a polar liquid (water), it orients its mobile polar
groups on the surface in order to increase the interfacial water/polymer energy and there‐
fore decreasing the system surface free energy. In the other hand, when the polymer is con‐
tact with a non polar liquid, its functional groups conserve their state and will not reorient.
These authors assumed the existence of two parameters behind hysteresis: the intrinsic po‐
larity of the material and the mobility of its polar groups on the surface. Nishioka et al.[73],
had observed that the advancing contact angle hysteresis is under the control of surface sites
more hydrophobic than those controlling the receding contact angle hysteresis.

The contact angle hysteresis observed on hydrophilic and hydrated polymers is due to the
polar groups’ orientation on the interfaces polymer/liquid and polymer/air. This reorienta‐
tion represents the polymer reaction to every environmental change (air, liquid). The reced‐
ing contact angle (θr) depends on the contact duration with water, the environment
temperature and on the glass transition temperature (Tg) of the material itself. Each material
has its own glass transition temperature (Tg) allowing a defined molecular mobility suffi‐
cient for an important rearrangement [74].

3.3. Conclusion

The concepts of solid surfaces assumed that the surfaces in question were effectively rigid
and immobile. Such assumptions allow one to develop certain models and mathematical re‐
lationships useful for estimating and understanding surface energies, surface stresses, and
specific interactions, such as adsorption, wetting, and contact angles. It is assumed that the
surfaces themselves do not change or respond in any specific way to the presence of a con‐
tacting liquid phase, thereby altering their specific surface energy [75]. Although such as‐
sumptions are (or may be) valid for truly rigid crystalline or amorphous solids, they more
often than not do not apply strictly to polymeric surfaces.

In contact with condensed phases, especially liquids, surface relaxations and transitions can
become quite important leading to a possible dramatically change in the interfacial charac‐
teristics of a polymer with possibly important consequences in a particular application. And
since the processes are time-dependent, the changes may not be evident over the short span
of a normal experiment. For critical applications in which a polymer surface will be in con‐
tact with a liquid phase, such as implant device for biomedical application, it is not only im‐
portant to know the surface characteristics (e.g., coefficient of friction, adhesion,
adsorption)under normal experimental conditions but also to determine the effects of pro‐
longed (equilibrium) exposure to the liquid medium of interest. It is therefore important for
biomedical as well as many other applications that the surface characteristics of a material of
interest be determined under conditions that mimic as closely as possible the conditions of
use and over extended periods of exposure to those conditions, in addition to the usual
characterizations.
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4. Experimental and results

4.1. Polyelectrolyte multilayer film preparation

Before use, glass slides were cleaned in 0.01 M SDS and then in 0.1 N HCl, both for 10 min in
a boiling water bath, followed by a pure water rinse. Polyelectrolyte solutions were pre‐
pared by dissolution of the polyelectrolyte powders in 0.15 M NaCl (using ultrapure water
filtered with a MilliQ system, Millipore) at a concentration of 1mg/l for PLL, PGA and HA
and 5 mg/l for PEI, PSS and PAH. For all the films, the precursor layer was always PEI (pol‐
ycation), followed by the alternate adsorption of polyanions/polycations for 12 min adsorp‐
tion times and two rinses in the 0.15 M NaCl solution [76]. The glass slides held in a slide
holder were dipped into the different polyelectrolyte baths for the preparation of three dif‐
ferent types of film, ending either by the polycation or polyanion: (PSS/PAH)10, (PSS/
PAH)10–PSS; (PGA/PLL)5, (PGA/PLL)5–PGA; and (HA/PLL)5, (HA/PLL)5–HA. Cleaning was
made before film characterization. The films were all prepared at the same pH before being
in contact with culture medium. Poly(styrene-4-sulfonate) (PSS,MW=70 kDa), Poly(allyla-
mine hydrochloride) (PAH,MW=70 kDa) and Poly(ethyleneimine) (PEI,MW=70 kDa) are
purchased from Aldrich. Poly(l-lysine) (PLL, MW=32 KDa) Poly(l-glutamic acid) (PGA,
MW=72 KDa) were obtained from Sigma and Hyaluronan (HA,MW=400 kDa) from Bioiberi‐
ca. Sodium dodecyl sulfate (SDS) was purchased from Sigma and sodium chloride (NaCl,
purity ~ 99%) from Aldrich, glass slides (18x18 cm2 square and 14x14 cm2 disk), respectively,
were obtained from CML, France.

4.2. Contact angle measurement and Surface Free Energy (SFE) calculation

The measurements were performed with a Wilhelmy balance for the characterization of sol‐
ids using the 3S tensiometer and the corresponding software (GBX, France). For these ex‐
periments, the glass slides were coated with polyelectrolyte multilayer films on both sides.
Before beginning the measurements, the films were washed in 18.2 MΩ Millipore water for
30–45 min in order to eliminate the NaCl traces that could modify the results. Samples were
then dried at 30 °C for 2 h. The dynamic contact angle hysteresis was determined at 20°C for
each film and five wetting/dewetting cycles were carried out at a 50 μm/s speed.

Three liquids were used as a probe for surface free energy calculations: diiodomethane, for‐
mamide (Sigma Chemical CO, St Louis, MO, USA) and distilled water. The final contact an‐
gle used for this calculation was the average of the 2nd to 5th cycle advancing contact angle
(θa) and the surface free energies of the different films were calculated using the Van Oss
(VO) approach, as usual with sessile drop method contact angles:

γS =γS d +  2 (γS +.γS −)½

This method produces the dispersive (γS
d) and the polar acid–base (γS

+, γS
-) components. Sol‐

id and liquid SFE components and contact angle are related according to the equation be‐
low:

γL (1 +  cosθ) =  2 ((γS d .γL d )½ +  (γS +.γL −)½ +  (γL +.γS −)½)
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Were γL is the SFE of the liquid and γs the SFE of the surface.

4.3. Cell adhesion, viability and morphology study

For adhered cell counting, image analysis was performed on a Quantimet 570 (Leica, UK)
fitted to an epifluorescence microscope (Axioplan, Zeiss, DE) and a black-and-white charge-
coupled device (CCD) camera (LH51XX-SPU, Lhesa Electronique, FR). The scanning was
carried out using a ten times lens (NA=0.3) and a filter set adapted for propidium iodide flu‐
orescence observation (BP 546/12 nm, DM 580 nm, LP 590 nm). Microscope focus and stage
were motorized and software controlled.

The cell viability was determined with the MTT colorimetric assay. It was measured at 570
nm with a 96-well microplate reader (Becton Dinkinson, Lincoln Park, USA) on a spectro‐
photometer (Bio-Tek Instruments, Winooski, USA). The blank reference was taken for wells
containing only the MTT solution.

The morphology of the cells was analyzed after 120 min (day 0), 2 and 7 days of culture us‐
ing a scanning electron microscopy (Philips, EDAX XL-20) and phase contrast microscopy.

4.4. Results

4.4.1. Contact angle measurement

The different contact angle values found are shown in Table 1. Experiments were performed
at 20 °C at a speed of 50 μm/s. One can observe that contact angle depends on the film’s na‐
ture (physico-chemical composition) which differs from a polymer to another.

Water Formamide Diiodomethane

Glass 43 ± 2 23 ± 3 43 ± 3.1

(HA/PLL) 10 12 ± 2 00 00

(HA/PLL)5 81.9 ± 1.8 49.6 ± 2 43.5 ± 3

(HA/PLL)5-HA 87.8 ± 1.2 00 45 ± 2.9

(PGA/PLL)5 55.2 ± 3 14.7 ± 2.5 39.1 ± 1.2

(PGA/PLL)5-PGA 44.1 ± 3.1 00 40.7 ± 1.6

(PSS/PAH)10 49.2 ± 1.8 23.6 ± 3 00

(PSS/PAH)10-PSS 53 ± 1.9 12.1 ± 3.3 00

Table 1. Dynamic contact angle
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4.4.2. SFE values

SFE and its component’s values are summarized in Table 2. (HA/PLL) films have the lowest
SFE value and (PSS/PAH) films have the highest value. The outermost layer of the film does
not have a great influence.

(HA/PLL)5

(HA/PLL)5-

HA
(PGA/PLL)5

(PGA/PLL)5-

PGA
(PSS/PAH)10

(PSS/PAH)10-

PSS
Glass Thermanox

Surface Free

Energy

(mN/m)

42.4 44.95 53.3 48.26 57.1 58.9 50 35

Dispersive

component

(mN/m)

38.8 37.1 40.23 39.5 50.8 50.8 35 36

Acid

component

(mN/m)

1.2 11.85 3.56 9.46 0.46 1.7 3 3

Basic

component

(mN/m)

2.86 1.3 14.6 2.4 23.76 7 25 0

Acid-basic

component

(mN/m)

3.56 7.8 13.9 8.86 6.3 8.1 17 1

Table 2. Surface Free Energy (SFE) and its components for the different films used. The SFE of PSS/PAH is higher
compared to the other films.

4.4.3. Cell adhesion

Figure 8 shows the percentage of fibroblasts that have adhered after 2 h in culture. The high‐
est adhesion is found with (PGA/PLL)5 film (95%) and the lowest on (HA/PLL)5 film (49%).
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Figure 8. Fibroblast adhesion rate after 2 h in culture onto different films. The percentage represents the number of
the adhered cells compared to the initial number of seeded cells.

4.4.4. Cell viability and proliferation rate

Cell viability was evaluated on the different types of film at different time intervals (0, 2
and  7  days)  with  the  MTT  assay  (Figure  9A).  The  (PGA/PLL)5–PGA  films  exhibited  a
good proliferation rate (Figure 9B) and the (PSS/PAH)10 films were the most favorable to
cell proliferation.

4.4.5. Cell morphology

Good adhesion is observed on (PGA/PLL)5 film (Figure 10A) whereas bad adhesion was
found on (HA/PLL)5-HA film (Figure 10B). Typical morphology at day 2 on a (PGA/PLL)5–
PGA film is presented in Figure 10C. After seven days in culture, the difference in morphol‐
ogy for the cells that had adhered to the different films was even more striking. Cells in con‐
tact with (HA/PLL)5–HA exhibit necroses (Figure 11A) whereas the cells exhibit elongated
and spread morphologies on the highly proliferative (PSS/PAH)10 films (Figure 11B).
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Figure 9. A. Cell viability (MTT test) on each film type followed over a seven day period at: day 0 (D0), day 2 (D2), and
day 7 (D7), B. Proliferation rate on the different films as estimated by the ratio (D7/D0)
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Figure 10. SEM images of cells adhering to different polyelectrolyte multilayer films. (A) (PGA/PLL)5(x800) on the first
day, (B) HA/PLL)5–HA (x800) on the first day, (C) (PGA/PLL)5–PGA film observed on the second day (x2725).
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Figure 11. SEM images of cell morphology after seven days of culture. (A) (HA/PLL)5–HA (x800) film, a (PSS/PAH)10 film
observed at different magnifications (B) (x1398): some areas are at confluency.

4.4.6. Correlation between cell adhesion and films SFE

No correlation was found between the wettability parameters or the SFE parameters and the

fibroblast proliferation ratio. However, the adhesion rate at 2 h was correlated to both SFE

basic component and the SFE acid component (Figure 12). For the adhesion rate, the SFE ba‐
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sic component is optimum at 15 mN/m (Figure 12A) whereas the acid one is optimum at
about 5 mN/m (Figure 12B).
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Figure 12. SEM images of cell morphology after seven days of culture. (A) (HA/PLL)5–HA (x800) film, a (PSS/PAH)10 film
observed at different magnifications (B) (x1398): some areas are at confluency. Figure 12B. Correlation between cell
adhesion rate and Basic SFE component. An optimum is found for 15 mN/m with good polynomial correlation
(R2=0.93)
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4.5. General conclusion

Cell adhesion is a paramount parameter for the biomaterial tissue. These biomaterials, by
their surface properties (chemical composition, topography, roughness, surface energy) hold
the key of the control of the cell adhesion, proliferation and orientation. Thus, the concept of
biocompatibility is seen imposed, it is primarily focused on the interface, sites of the interac‐
tions between cells and biomaterials.

The influence of different polyelectrolyte multilayer films (PEM) on gingival fibroblast cell
response was studied. Roughness and hydrophobicity/hydrophilicity of the PEM were char‐
acterized by contact angle measurement. Polar (acid-basic) components of the surface free
energy (SFE) were determined. Surface advancing and receding angles were measured and
hysteresis was determined. Cell adhesion, viability and morphology were analyzed.

This work pointed out that cell adherence is a complex process modulated by numerous pa‐
rameters. Usually, in cell adherence studies and particularly in biomaterial approaches, sur‐
face physico-chemical properties are analysed (chemistry, roughness, motility,
wettability…).

In our work we tackled the subject of the cellular behavior in contact with a biomaterial by
the characterization of the surface of this material. We were interested in physical (topogra‐
phy) and chemical (composition) properties of various polyelectrolyte multilayer films de‐
posited on glass slides, with different charge densities scale and thickness. We have
evaluated the wettability of theses biomaterials by measuring the contact angle hysteresis
using the Wilhelmy balance tensiometry to study their physico-chemical characteristics in
order to understand the effects of surface roughness and chemistry on the fibroblasts behav‐
ior. Epifluorescence microscopy, SEM, phase contrast microscopy and MTT test were used
to study cell adhesion, proliferation and morphology in order to correlate the film's proper‐
ties and the cultivated cells response.

Surface hydrophobicity and roughness were found to be unfavourable for both adhesion
and proliferation. Adhesion and proliferation were found not to be correlated.
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1. Introduction

A tremendous effort has been and is currently being devoted to the research in the field of
pharmaceutical nanotechnology. Several peculiar properties of gelled polymeric nanosize
(<1μm) particulate systems have been reported, among which the ability to encapsulate either
small molecular weight or macromolecular active principles in mild conditions and protect
them from degradation by the harsh pH conditions or enzymes they may encounter in the
organism, promote transport of actives across mucosal barriers, undergo internalization by
cells thereby carrying actives into them. Chitosan, a copolymer of glucosamine and N-
acetylglucosamine, obtained by deacetylation of the naturally-occurring chitin, has been
studied as a basic biomaterial for preparing pharmaceutical nanoparticles, because it is
biodegradable and has a very low toxicity [1-5] besides an ability to promote transport of drugs,
peptides and proteins across mucosal barriers [6-10]. The preparation procedures of chitosan
nanoparticles, their characterization for drug encapsulation efficiency, physical and biophar‐
maceutical properties, and toxicity have been covered by recent reviews (11,12). Chitosan has
been subjected to derivatization, taking advantage of the reactivity of the primary amino group
in position 2, or the hydroxyl group in position 6 of its repeating unit, glucosamine. The
derivatization changed the physicochemical, biopharmaceutical and biological properties of
the parent chitosan and each derivative type lent itself to preparing nanoparticles with their
own physical properties (size, shape, surface charge), drug encapsulation and release capa‐
bility, biopharmaceutical and biological properties (mucoadhesivity, ability to promote drug
transport across biological barriers, aptitude for internalization within cells, citotoxicity).

In the following sections the nanoparticles obtained from chitosan derivatives will be surveyed
in respect to preparation procedures, interactions with cells and tissues, factors influencing
biological properties, pharmaceutical applications.
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2. Preparation procedures

2.1. Ionotropic gelation

Ionotropic gelation, that is by far the most used technique for preparation of nanoparticles
from chitosan derivatives, was first reported in 1997 by Calvo et al. [13]. The basic concept is
that a polycationic polymer in aqueous solution passes, in appropriate conditions, from sol to
dispersed gel following electrostatic crosslinking with an adequate anionic substance. This
technique has been used with several quaternized chitosans carrying fixed, pH-independent
positive charges, the most known of which is N-trimethyl chitosan (TMC). Sodium tripoly‐
phosphate (TPP) has widely been employed as the ionotropic crosslinker [14-19].

The nanoparticles prepared by ionotropic gelation of quaternized chitosans with TPP were
generally 200-300 nm in size, i.e., smaller than those obtained by the same method starting
from plain chitosan which, by the way, showed lesser stability and tended to re-dissolve after
some time from formation. The zeta potential was always positive, in the 10-20 mV range. The
solution of the chitosan derivative into which the TPP solution was dripped would often
contain a surfactant, usually Tween 80, to hinder nanoparticle aggregation and facilitate their
re-dispersion after centrifugation. In fact, centrifugation was necessary to clear the particles of
non-encapsulated drug.

The technique under discussion has also been used to prepare nanoparticles from thiolated
derivatives of chitosan [20-23].

These polymers have shown mucoadhesive properties due to the ability of their thiol groups
to form covalent disulfide bridges by reacting with the thiol residues present on the glyco‐
proteins of mucus. For this reason the nanoparticles derived from these chitosan derivatives
were themselves endowed with mucoadhesivity. The thiolated nanoparticles formed by
ionotropic gelation with TPP were stabilized via oxidation of thiols with H2O2 which formed
interchain disulfide bonds. These would bestow gastroresistance on the particles, which would
be particularly appropriate in case of oral administration of the nanoparticle formulation.
However the presence of some non-oxidized thiols on the nanoparticle surface was needed to
confer enhanced mucoadhesivity on such a surface. This goal was actually achieved by
Bernkop-Schnurch et al. [21]. These authors also studied the crosslinker effect on nanoparticle
size. Under similar preparation conditions, sizes in the 200-300 nm range were obtained with
TPP as the crosslinker, whereas sizes beyond the micron resulted using Na2SO4.

2.2. Gelation from polyelectrolyte complex (PEC) formation

This method involved ionotropic gelation, just as described in the preceding section, only in
the present case the crosslinker was a polyanionic polymer with charges opposite to those of
the chitosan derivative, with which it formed a PEC. To this purpose N-carboxymethyl
chitosan, poly(γ-glutamic acid), poly(aspartic acid) and hyaluronic acid were used as polyan‐
ions, while TMC and glycidyl trimethyl ammonium chitosan were the polycations [24-27]. In
a case both the polyanion (hyaluronic acid) and the polycation (TMC) were thiolated and the
nanoparticles were stabilized by the formation of interchain disulfide bonds [28].
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2.3. Polymer-drug complexes

Some negatively charged active principles, such as insulin or gene drugs, when mixed with
cationic chitosan derivatives in adequate proportions spontaneously formed nanoparticulate
dispersions of insoluble complexes [29-34]. TMC nanoparticles obtained by ionotropic gelation
with TPP in the presence of insulin were compared with nanoparticles obtained by PEC
formation between TMC and insulin. In the latter instance higher encapsulation efficiency and
zeta potential (positive), and smaller particle size were observed, which is particularly
appropriate for particle internalization into cells. In addition, a higher stability in simulated
intestinal fluid (pH 6.8) of the nanocomplex compared to the nanoparticles prepared with TPP
resulted [31,32].

2.4. Self-assembly

Amphiphilic derivatives of chitosan in aqueous solution were found, at a critical aggregation
concentration (CAC), to spontaneously arrange into nanoparticles of sizes in between 100-400
nm. Such derivatives were prepared by connecting hydrophobic structures to the chitosan or
glycol chitosan backbone via the amino group of the chitosan repeating unit. Examples of the
above amphiphilic derivatives are the following: glycol chitosan-5β-cholanic acid conjugate
[35-40]; palmitoyl chitosan [41]; palmitoyl glycol chitosan [42]; oleoyl chitosan [43]. Other
amphiphiles were prepared from chitosans bearing fixed positive charges, in the case of
quaternary ammonium palmitoyl glycol chitosan [42], or negative fixed charges, as in the case
of linoleic acid-modified O-carboxymethyl chitosan [44], or deoxycholic acid-modified N,O-
carboxymethyl chitosan [45]. Usually, after suspending the polymer in an aqueous medium,
probe sonication was applied to limit particle size. The formation of nanoparticles was
monitored and the CAC determined fluorometrically, or through UV absorption spectra, or
measuring the enthalpy change by a microcalorimeter [42,44,45].

The CAC for the hydrophobically modified chitosan derivatives is usually in the μM range,
whereas the CMC of small-molecular weight surfactants is in the mM range. This is one of the
most important characteristics of amphiphilic polymers, pointing to stability of the self-
aggregates in dilute conditions, such as those the nanoparticles are supposed to encounter after
administration to the organism. The CAC values of these polymers have been found to
decrease with increasing hydrophobic content of derivatives [44]. In fact, the nanoparticles
formed from these chitosan derivatives are characterized by a core-shell structure, i.e., a
hydrophobic core in a hydrophilic shell. The drug incapsulation method was chosen on the
basis of the hydrophilic or hydrophobic nature of the drug. With hydrophobic drugs the
solution of polymer and drug in a water-miscible organic solvent was mixed with an aqueous
medium and the organic solvent was cleared away by dialysis or evaporation [36,39,40].
Hydrophobic drugs having a fair water solubility and polar drugs have been loaded into
nanoparticles via direct addition to the aqueous polymer dispersion [41,42,44,45]. The non-
encapsulated drug has been separated by ultracentrifugation, filtration or dialysis.
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3. Interactions with cells and tissues

3.1. Quaternized derivatives

Chitosan has been found to open the tight junctions connecting epithelial cells, through an
interaction of its positively charged amino groups with negatively charged sites in the tight
junctions, thereby promoting paracellular transepithelial absorption of drugs, peptides and
proteins [10,46-57]. The major drawback of unmodified chitosan as an absorption promoter is
its insolubility at physiological neutral pH. Therefore the primary amino groups of its
repeating units have been quaternized to bestow fixed, pH-independent positive charges on
the polymer, thus making it soluble and active as an absorption promoter at physiological pH.
In fact, TMC was found to act as an enhancer of drug, peptide and protein permeability across
intestinal, nasal, buccal, ocular epithelium [47, 58-66]. TMC was shown to promote not only
paracellular but also transcellular drug absorption [66]. Other quaternized chitosan deriva‐
tives, namely, N-triethylchitosan (TEC) [68], N,N-dimethyl N-ethylchitosan (DMEC) [69] and
N,N-diethyl N-methylchitosan (DEMC) [70] have been synthesized. Positively charged
chitosan and its quaternized derivatives have also exhibited mucoadhesive properties,
determined by ionic interactions with the negatively charged sialic acid residues of mucins at
neutral or slightly alkaline pH [71].

Particles in the nanosize range have resulted from the interaction of quaternized chitosans with
polyanions. Proteins or macromolecular drug models have been encapsulated in these
nanoparticles. Ovalbumin (OVA) was encapsulated in nanoparticles, obtained by ionotropic
gelation of TMC with TPP, and studied as a nasal delivery system for proteins [19]. No
cytotoxicity of nanoparticles on Calu-3 cells, a model of human respiratory function, was
evidenced, whereas a partially reversible cilio-inhibiting effect on the ciliary beat frequency of
chiken trachea was observed. Confocal laser scanning microscopy (CLSM) of nasal epithelia
and nasal associated lymphoid tissue (NALT), incubated with nanoparticles loaded with
fluorescein-labelled albumin, showed the presence of fluorescent nanoparticles throughout
the cytoplasm of these cells, indicating the transport of albumin-associated TMC/TPP nano‐
particles across the nasal mucosa. These findings led the authors to point to these nanoparticles
as a potential delivery system for transport of proteins through the nasal mucosa

Other authors studied similar TMC/TPP nanoparticles, loaded with fluorescein isothiocyanate
dextran, molecular weight 4400 Da (FD4), as a model of macromolecular drugs [17]. In analogy
with the free TMC, the TMC/TPP nanoparticles exhibited the property of opening the tight
junctions between cells in the Caco-2 monolayer in vitro and the rat intestinal epithelium ex
vivo, thus promoting the permeation of FD4 across the two epithelium models. The nanopar‐
ticles also shared, with the free TMC, the property of adhering to the intestinal mucosa. Using
CLSM, Sandri et al. [17] showed internalization of their nanoparticles into Caco-2 cells and
excised rat jejunum tissue.

Nanoparticles encapsulating fluorescein-labelled bovine serum albumin (BSA) were obtained
by ionotropic gelation of alginate-modified TMC with TPP [16]. According to the authors the
transport of alginate-modified TMC nanoparticles across the Caco-2 cell in vitro model of
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gastrointestinal (GI) epithelium was more efficient than that produced by non-modified TMC
nanoparticles. However, alginate modification barely had any effect on the trans-epithelial
electrical resistance or on paracellular protein transport. Then the hypothesis was made that
alginate modification facilitated nanoparticle transport across the Caco-2 monolayer by the
transcellular route (transcytosis) by virtue of a reduction of particle size to 100-200 nm (16).
The supposedly permeated nanoparticles were assayed by measuring the fluorescence of
fluorescein-labelled BSA, which was assumed to be completely associated with the particles.
Similar nanoparticles as the above were loaded with urease, a vaccine protein against
Helicobacter pylori infection. Immunization studies in mice showed that oral administration of
urease-loaded TMC nanoparticles generated high titers of both IgG and S-IgA antibodies. The
immunostimulating effect was caused by nanoparticle mucoadhesivity and transcytosis by M
cells in gut associated lymphoid tissue [16].

OVA-loaded nanoparticles have been prepared from TMC using unmethylated CpG DNA as
adjuvant and crosslinker, in place of TPP, for nasal vaccination in mice [15]. TMC/CpG/OVA
showed similar physical properties as TMC/TPP/OVA in terms of particle size, zeta-potential
and antigen release characteristics, but TMC/CpG/OVA induced a 10-fold higher IgG2a
response than TMC/TPP/OVA, and a strong humoral and Th1 type cellular immune responses
after nasal vaccination [15].

Nanoparticles derived from the polyelectrolytic complexation of TMC by the polyanionic
mono-N-carboxymethyl chitosan (MCC), and loaded with fluorescein-labelled BSA were
taken up into mouse Balb/c monocyte macrophages. Mice were nasally immunized with
tetanus toxoid-loaded TMC/MCC complex nanoparticles. These were shown to induce both
mucosal and systemic immune response [24].

Insulin was formulated into nanoparticles formed from quaternized chitosans such as TMC
or DEMC via either ionotropic gelation with TPP, or polyelectrolyte complexation by the
polyanionic insulin. The PEC method resulted in higher insulin loading efficiency and
nanoparticle zeta-potential [31].

Similar nanoparticulate systems loaded with insulin were prepared from other quaternized
chitosans, namely, N-triethyl chitosan (TEC) and N-dimethylethyl chitosan (DMEC), by the
PEC method [30]. Insulin was transported ex vivo across the colon membrane of rats when it
was formulated into nanoparticles made of quaternized derivatives, better than into those
made of plain chitosan. In vivo colon absorption of insulin was enhanced by using insulin-
loaded nanoparticles compared to free insulin. Insulin absorption from rat colon was evaluated
by its hypoglycemic effect [30].

Poly(γ-glutamic acid) was used by Mi et al. [25] as the anionic polyelectrolyte complexing
agent to prepare nanoparticles from TMC by the PEC method, for the oral delivery of insulin.
According to the authors insulin was transported across the Caco-2 cell in vitro model of GI
epithelium via the paracellular route. In fact, CLSM confirmed the opening of the tight
junctions between cells caused by the nanoparticles. The authors propose a mechanism
whereby the orally administered nanoparticles with mucoadhesive TMC on their surfaces may
adhere and infiltrate into the intestinal mucus, mediate the opening of tight junctions between
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enterocytes, undergo disintegration, and release insulin, which would permeate through the
paracellular pathway to the bloodstream. This hypothesis is contrasting with that, proposed
by Chen et al. [16], of protein being carried by TMC/alginate/TPP nanoparticles across the
Caco-2 monolayer by transcytosis.

TMC was modified with the specific ligand CSKSSDYQC peptide (CSK) to prepare ionotrop‐
ically crosslinked TMC-CSK/TPP nanoparticles, loaded with fluorescein isothiocyanate
(FITC)-labelled insulin, targeted to the mucus-producing goblet cells [45]. In transport studies
across Caco-2/HT29-MTX co-cultured cell monolayer, simulating mucus-producing intestinal
epithelium, the CSK modification showed enhanced drug transport ability, even if the target
recognition was partially affected by mucus. In pharmacological and pharmacokinetic studies
in diabetic rats, the orally administered CSK-modified nanoparticles produced a stronger
hypoglycemic effect than the unmodified ones, prompting the authors to state that the former
were sufficiently effective as goblet cell-targeting nanocarriers for oral delivery of insulin.

An oral delivery system for paclitaxel, a mitotic inhibitor used in cancer chemotherapy, was
devised by encapsulating the drug in N-(2-hydroxy-3-trimethylammonium) propyl chitosan
chloride (HTCC) nanoparticles prepared by the O/W/O double emulsion temperature-
programmed solidification method [72]. CLSM studies suggested that the HTCC nanoparticles
could be transported across Caco-2 monolayers via the opening of tight junctions between
cells. Also the in vivo absorption of these nanoparticles by the small intestine of rats was shown.
These transport properties of nanoparticles were ascribed to their positive surface charge,
which was also considered responsible for an enhanced nanoparticle uptake by carcinoma
cells. Biodistribution studies after oral administration in subcutaneous LLC tumor-bearing
mice showed accumulation of paclitaxel-loaded HTCC nanoparticles in liver, spleen, lung, and
kidney tissues, which was ascribed to the uptake of nanoparticles by the reticuloendothelial
system, and in tumour tissue through the enhanced permeability and retention (EPR) effect.
These results are particularly intriguing as they open the prospect of a targeted oral treatment
of cancer by nanomedicine.

3.2. Thiolated derivatives

The thiol groups immobilized on these polymers are supposed to give exchange reactions with
disulfide bonds within the mucus, or oxidation reactions with cysteine-rich subdomains of
mucus glycoproteins [73, 74], both resulting in the formation of disulfide bonds between
thiolated chitosan derivatives and the mucus, which improve the polymer mucoadhesivity.
Nanoparticles prepared from this type of chitosan derivatives were supposed to be themselves
mucoadhesive, and hence, apt to make nanocarriers for oral drug delivery. In fact, enhanced
mucoadhesive properties of nanoparticles prepared by gelation of chitosan-N-acetyl cysteine
conjugate (chitosan-NAC) with TPP, compared with unmodified chitosan nanoparticles, were
found by Wang et al. [23]. Enhanced insulin in vivo absorption via nasal mucosa was found
by these authors when insulin-loaded chitosan-NAC/TPP nanoparticles were administered
intranasally to rats.

Another thiolated chitosan derivative, chitosan-4-thiobutylamidine (chitosan-TBA) was used
by Bernkop-Schnürch et al. [22] to develop a mucoadhesive nanoparticulate delivery system.

Advances in Biomaterials Science and Biomedical Applications248



enterocytes, undergo disintegration, and release insulin, which would permeate through the
paracellular pathway to the bloodstream. This hypothesis is contrasting with that, proposed
by Chen et al. [16], of protein being carried by TMC/alginate/TPP nanoparticles across the
Caco-2 monolayer by transcytosis.

TMC was modified with the specific ligand CSKSSDYQC peptide (CSK) to prepare ionotrop‐
ically crosslinked TMC-CSK/TPP nanoparticles, loaded with fluorescein isothiocyanate
(FITC)-labelled insulin, targeted to the mucus-producing goblet cells [45]. In transport studies
across Caco-2/HT29-MTX co-cultured cell monolayer, simulating mucus-producing intestinal
epithelium, the CSK modification showed enhanced drug transport ability, even if the target
recognition was partially affected by mucus. In pharmacological and pharmacokinetic studies
in diabetic rats, the orally administered CSK-modified nanoparticles produced a stronger
hypoglycemic effect than the unmodified ones, prompting the authors to state that the former
were sufficiently effective as goblet cell-targeting nanocarriers for oral delivery of insulin.

An oral delivery system for paclitaxel, a mitotic inhibitor used in cancer chemotherapy, was
devised by encapsulating the drug in N-(2-hydroxy-3-trimethylammonium) propyl chitosan
chloride (HTCC) nanoparticles prepared by the O/W/O double emulsion temperature-
programmed solidification method [72]. CLSM studies suggested that the HTCC nanoparticles
could be transported across Caco-2 monolayers via the opening of tight junctions between
cells. Also the in vivo absorption of these nanoparticles by the small intestine of rats was shown.
These transport properties of nanoparticles were ascribed to their positive surface charge,
which was also considered responsible for an enhanced nanoparticle uptake by carcinoma
cells. Biodistribution studies after oral administration in subcutaneous LLC tumor-bearing
mice showed accumulation of paclitaxel-loaded HTCC nanoparticles in liver, spleen, lung, and
kidney tissues, which was ascribed to the uptake of nanoparticles by the reticuloendothelial
system, and in tumour tissue through the enhanced permeability and retention (EPR) effect.
These results are particularly intriguing as they open the prospect of a targeted oral treatment
of cancer by nanomedicine.

3.2. Thiolated derivatives

The thiol groups immobilized on these polymers are supposed to give exchange reactions with
disulfide bonds within the mucus, or oxidation reactions with cysteine-rich subdomains of
mucus glycoproteins [73, 74], both resulting in the formation of disulfide bonds between
thiolated chitosan derivatives and the mucus, which improve the polymer mucoadhesivity.
Nanoparticles prepared from this type of chitosan derivatives were supposed to be themselves
mucoadhesive, and hence, apt to make nanocarriers for oral drug delivery. In fact, enhanced
mucoadhesive properties of nanoparticles prepared by gelation of chitosan-N-acetyl cysteine
conjugate (chitosan-NAC) with TPP, compared with unmodified chitosan nanoparticles, were
found by Wang et al. [23]. Enhanced insulin in vivo absorption via nasal mucosa was found
by these authors when insulin-loaded chitosan-NAC/TPP nanoparticles were administered
intranasally to rats.

Another thiolated chitosan derivative, chitosan-4-thiobutylamidine (chitosan-TBA) was used
by Bernkop-Schnürch et al. [22] to develop a mucoadhesive nanoparticulate delivery system.

Advances in Biomaterials Science and Biomedical Applications248

The polymer was first crosslinked ionotropically by TPP, followed by stabilization of the
resulting nanoparticles via formation of inter- and intrachain disulfide bonds by thiol oxidation
with H2O2. Subsequently, TPP was removed by dialysis. The covalently crosslinked particles
would not disintegrate in the acidic medium of the stomach. The adhesion to porcine intestinal
mucosa was studied after incorporation of fluorescein diacetate into nanoparticles. The more
thiol groups were oxidized, the lower was the nanoparticle mucoadhesivity, nevertheless, even
when as much as 90% of all thiols were oxidized the mucoadhesivity of chitosan-TBA nano‐
particles was twice as high as that of unmodified chitosan nanoparticles.

Polymer Gelling agent Drug Diameter (nm)
Zeta potential

(mV)
Reference

TMC-CSK TPP insulin 200-350 3-10 [14]

HTCC

o/w/o double

emulsion
paclitaxel 130 21 [72]

TMC
cisplatin-

hyaluronate
cisplatin 450 45 [27]

TMC TPP OVA 300 20 [15]

TMC MCC
tetanus toxoid,

FITC-BSA
not reported not reported [24]

HTCC poly(aspartic acid) BSA 200-300 55 [26]

TMC
poly(γ-glutamic

acid)
insulin 100 30 [25]

TEC, DMEC insulin insulin 200 25 [30]

TMC, DEMC TPP, insulin insulin 250 25 [31]

TMC TPP FITC-BSA 300 14 [16]

TMC TPP OVA 254-300 20-61 [19]

TMC TPP FD4 200 - [17]

Table 1. Main characteristics of nanoparticles based on quaternized chitosans
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Polymer
Gelling

agent
Drug

Diameter

(nm)

Zeta

potential

(mV)

Reference

chitosan-NAC

TPP insulin 140-210 19-31 [23]

chitosan-TGA

DNA DNA 75-120 2-20 [34]

chitosan-TBA

TPP none 268 4-19 [22]

chitosan-TBA TPP none 240 5-11 [21]

thiolated TMC
thiolated

HA
OVA 250-350 10-20 [28]

chitosan-TGA none pSEAP 212-113 4-8 [33]

glycol chitosan-TGA

TPP calcitonin 230-330 21-27 [20]
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Glycol chitosan coupled with thioglycolic acid (TGA) was ionotropically gelled with TPP to
yield nanoparticles, which showed a twofold increase in mucoadhesion to lung tissue after
intra-tracheal administration to rats as compared to non-thiolated nanoparticles. Biocompat‐
ibility of nanoparticle formulations with lung tissue was demonstrated. Calcitonin-loaded
glycol chitosan and glycol chitosan-TGA nanoparticles resulted in a pronounced hypocalcemic
effect for at least 12 and 24 h and a bioavailability of 27 and 40%, respectively [20].

Verheul et al. [28] used the thiol groups of thiolated TMC to spontaneously form interchain
disulfide crosslinks with the thiols of thiolated hyaluronic acid (HA), after ionic gelation. OVA-
loaded stabilized TMC-S-S-HA nanoparticles demonstrated higher immunogenicity than not
stabilized particles, indicated by higher IgG titers, in nasal and intradermal vaccination.

Besides showing enhanced mucoadhesivity and cell penetration properties, nanoparticles
made of thiolated chitosans have appeared highly effective as gene delivery systems. Thiolated
derivatives, prepared from 33-kDa chitosan by coupling with TGA, formed nanocomplexes
with plasmid DNA encoding green fluorescent protein (GFP), that were able to bind and
protect plasmid DNA from Dnase I digestion. Thiolated chitosan/DNA nanocomplexes
induced higher GFP expression in HEK293, MDCK and Hep-2 cell lines than unmodified
chitosan. Nanocomplexes of disulfide-crosslinked thiolated chitosan/DNA showed a sus‐
tained DNA release and continuous expression in cultured cells lasting up to 60 h post
transfection. Intranasal administration of crosslinked thiolated chitosan/DNA nanocomplexes
to mice yielded gene expression that lasted at least 14 days [34].

Nanoparticles containing the gene reporter pSEAP (recombinant Secreted Alkaline Phospha‐
tase) were generated, based on a thiolated chitosan conjugate, chitosan-TGA, crosslinked by
thiol oxidation with H2O2 to form disulfide crosslinks. Transfection of nanoparticles in Caco-2
cells led to increased protein expression compared to unmodified chitosan nanoparticles. Red
blood cells lysis tests provided evidence for no cytotoxicity of nanoparticles. On the basis of
their experimental results the authors stated that their crosslinked thiolated chitosan nano‐
particles showed the potential for being used as a non-viral vector system for gene therapy [33].

3.3. Amphiphilic derivatives

Amphiphilic derivatives resulted when hydrophobic structures were attached to the hydro‐
philic chitosan backbone. In aqueous milieu these derivatives would self-assemble into
nanoparticles to attain thermodynamic stability. Nanoparticles derived from the self-assembly
of amphiphilic derivatives were often intended for cancer therapy. Glycol chitosan (hydro‐
philic)-cholanic acid (hydrophobic) conjugates self-assembled to form nanoparticles, the in
vivo tissue distribution, time-dependent excretion and tumor accumulation of which were
monitored in tumor-bearing mice by Park et al. [37]. The particles exhibited prolonged blood
circulation time, decreased time-dependent excretion from the body, and increased tumor
accumulation with increasing polymer molecular weight. The enhanced tumor targeting by
nanoparticles made of high molecular weight glycol chitosan-cholanic acid was ascribed to a
better in vivo stability, related to an improvement in blood circulation time [37].
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Similar nanoparticles as the above,  formed from glycol chitosan-cholanic acid conjugate,
loaded with the anticancer drug camptothecin, exhibited significant antitumor effects and
high tumor targeting ability  towards MDA-MB231 human breast  cancer  xenografts  sub‐
cutaneously implanted in nude mice.  The significant  antitumor efficacy of  nanoparticles
was ascribed to both their prolonged blood circulation and high accumulation in tumors
through the EPR effect [39].

The  cellular  uptake  mechanism and  the  intracellular  fate  of  nanoparticles  formed from
glycol  chitosan  hydrophobically  modified  with  cholanic  acid  have  been  reported  [40].
These particles showed an enhanced distribution in the whole cells, compared to the pa‐
rent hydrophilic  glycol  chitosan polymer.  In vitro experiments with endocytic  inhibitors
suggested that  the  cellular  uptake of  these  nanoparticles  involved several  distinct  path‐
ways, e.g., clathrin-mediated endocytosis, caveolae-mediated endocytosis, and macropino‐
cytosis.  Such  a  property,  along  with  low  toxicity  and  biocompatibility  suggested  these
hydrophobically modified glycol chitosan nanoparticles as a versatile carrier for the intra‐
cellular delivery of therapeutic agents [40].

A further hydrophobically modified chitosan derivative from which self-assembled nanopar‐
ticles were obtained was oleoyl chitosan. The toxicity profile of the relevant nanoparticles,
evaluated in vitro via hemolysis test and MTT assay, was within acceptable limits. When
loaded with the antitumor drug doxorubicin, oleoyl chitosan nanoparticles exhibited inhibi‐
tory rates on different human cancer cells (A549, Bel-7402, HeLa, and SGC-7901) significantly
higher than the drug solution [43].

Folic acid was conjugated with O-carboxymethyl chitosan via the bifunctional 2,2’-(ethyl‐
enedioxy)-bis-(ethylamine)  to  obtain  an  amphiphilic  chitosan derivative  that  would self-
assemble  into  nanoparticles.  Folate-mediated  endocytosis  significantly  enhanced  the
cellular  targeting  of  nanoparticles,  thus  facilitating  apoptosis  of  cancer  cells  (HeLa,
B16F1). Doxorubicin could be loaded into the nanoparticles. It was observed that survival
in cancer cells treated with doxorubicin-loaded nanoparticles was lower than that of nor‐
mal cells in similar concentrations [75].

The ability of nanoparticles prepared by self-assembly of chitosan amphiphiles to promote
oral absorption of hydrophobic and hydrophilic drugs in rats was recently investigated by
Siew et al. [42], using quaternary ammonium palmitoyl glycol chitosan as the basic material.
The nanoparticles were found to enhance the oral absorption (Cmax) of griseofulvin and
cyclosporine A (hydrophobic) and, to a lesser extent, of ranitidine (hydrophilic). Hydrophobic
drug absorption was facilitated by the nanomedicine by: (a) increasing the drug dissolution
rate, (b) adhering to and penetrating the mucus layer, thus allowing intimate contact between
the drug and the GI epithelium absorptive cells, and (c) enhancing transcellular drug transport.
As for the absorption of the hydrophilic ranitidine, despite an 80% increase of Cmax there was
no appreciable opening of tight junctions by the nanoparticles. No uptake of this type of
nanoparticles by epithelial cells is reported [42].
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Polymer Drug
Diameter

(nm)

Zeta

potential

(mV)

Reference

quaternary ammonium palmitoyl glycol chitosan

griseofulvin

cyclosporin

A

ranitidine

100-500
not report‐

ed
[42]

glycol chitosan-5β-cholanic acid

none 300-400 10 [40]

O-carboxymethyl chitosan-2,2I,(ethylene dioxy)-bis-(ethylamine)-

folic acid

doxorubicin 150-200 10-20 [75]

glycol chitosan-5β-cholanic acid none 230-310 10-11 [37]

glycol chitosan-5β-cholanic acid
camptothe‐

cin
250-350

not report‐

ed
[39]
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Polymer Drug
Diameter

(nm)

Zeta

potential

(mV)

Reference

oleoyl-chitosan

doxorubicin 250-350
not report‐

ed
[43]

Table 3. Main characteristics of nanoparticles based on anphiphilic chitosans

4. Concluding remarks

Three families of chitosan derivatives have been synthesized and used to prepare nanoparticles
for pharmaceutical application, namely, polycations obtained by introducing quaternary
ammonium groups on the polymer backbone; thiolated derivatives, and amphiphilic deriva‐
tives obtained by attaching hydrophobic structures to the chitosan or glycol chitosan backbone.
The nanoparticles prepared from the quaternary ammonium-chitosan derivatives, especially
via the PEC formation method, have shown improved stability and physical properties
(smaller size, higher zeta potential) compared to nanoparticles from unmodified chitosan. The
thiolated derivatives offered the opportunity to stabilize the nanoparticles by covalent
crosslinks formed from interchain thiol oxidation to disulfide, which made the particles stable
in the GI environment. The critical aggregation concentration of the amphiphilic hydrophob‐
ically modified chitosan derivatives is usually very low, which implies stability of the self
aggregates in dilute conditions, such as those encountered by the nanoparticles in the organ‐
ism. The nanoparticulate systems prepared from chitosan derivatives have generally shown
acceptable cytotoxicity. In accord with the known behavior of particles of a size smaller than
500 nm, they have shown endocytic uptake by cells. Smaller particles with higher zeta potential
have shown more aptitude to endocytosis. Ionotropically crosslinked TMC nanoparticles are
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a potential vehicle for transport of proteins across mucosal epithelia, as they have been found
to open the tight junctions between epithelial cells. Indeed, nanoparticles based on quaternized
chitosan are a promising vehicle for the oral administration of insulin, especially if the chitosan
derivative is conjugated with the specific ligand CSKSSDYQC peptide. Also interesting is the
nanosystem based on the quaternary ammonium-chitosan conjugate HTCC, which was orally
absorbed by the rat small intestine and subsequently accumulated in carcinoma tissue by the
EPR effect. These results are particularly intriguing as they open the prospect of a targeted oral
treatment of cancer by nanomedicine. Nanoparticles prepared from thiolated chitosan
derivatives have shown a particular mucoadhesivity implying a suitability for making
nanocarriers for transmucosal protein delivery. Also this type of nanoparticles have appeared
highly effective as gene delivery systems and have shown the potential for being used as a
non-viral vector system for gene therapy. Nanoparticles derived from the self-assembly of
amphiphilic chitosan derivatives were often intended for cancer therapy. Glycol chitosan
hydrophobically modified with cholanic acid yielded nanoparticles with comparatively high
in vivo stability, responsible for a prolonged blood circulation time, which led to high
accumulation in tumors through the EPR effect. This type of nanoparticles can be taken up by
cells through distinct pathways, which points to this system as a versatile carrier for the
intracellular delivery of therapeutic agents. Folic acid, conjugated with O-carboxymethyl
chitosan to obtain doxorubicin-loaded self-assembled nanoparticles, could mediate particle
endocytosis by cancer cells with consequent cell apoptosis. In conclusion the present survey
has endorsed the concept that chitosan derivatization can lead to new basic materials for
nanosystems with unique pharmaceutical performances.

Abbreviations

BSA Bovine serum albumin

CAC Critical aggregation concentration

CLSM Confocal laser scanning microscopy

CSK CSKSSDYQC peptide

DEMC N,N-diethyl N-methyl chitosan

DMEC N,N-dimethyl N-ethyl chitosan

EPR Enhanced permeability and retention effect

FD4 Fluorescein isothiocyanate dextran, molecular weight 4400 Da

FITC Fluorescein isothiocyanate

GFP Green fluorescent protein

GI Gastrointestinal

HA Hyaluronic acid
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HTCC N-(2-hydroxy-3-trimethylammonium) propyl chitosan chloride

LLC Lewis lung carcinoma

MCC Mono-N-carboxymethyl chitosan

NAC N-acetyl cysteine

NALT Nasal associated lymphoid tissue

OVA Ovalbumin

PEC Polyelectrolyte complex

pSEAP Recombinant secreted alkaline phosphatase

TBA Thiobutyl amidine

TEC N-triethyl chitosan

TGA Thioglycolic acid

TMC N-trimethyl chitosan

TPP Sodium tripolyphosphate
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Chapter 10

pH-Sensitive Nanocrystals of Carbonate Apatite- a
Powerful and Versatile Tool for Efficient Delivery of
Genetic Materials to Mammalian Cells

Ezharul Hoque Chowdhury

Additional information is available at the end of the chapter

http://dx.doi.org/10.5772/ 53107

1. Introduction

Delivery of a functional DNA to mammalian cells is an attractive approach for genetic manip‐
ulation of the cells in biomedical research as well as in gene therapy for treating critical human
diseases. Following delivery to the cytoplasm, a foreign gene enters the nucleus and is tran‐
scribed to the corresponding mRNA, which is subsequently transported to the cytoplasm for
translation into a specific protein. However, a gene-silencing element, such as an antisense
onligonucleotide or a small interfering RNA blocks the transcription of a target mRNA. Thus,
nucleic acid delivery has been an essential tool either to turn on or off the expression of a
particular gene in basic research laboratories.

Intensive research in the last three decades led to the development of a number of viral and
non-viral vectors. However, an ideal vector in terms of safety and efficacy is still lacking.
Synthetic non-viral vectors, such as cationic polymers, lipids and peptides, are relatively safe,
but extremely inefficient. On the other hand, viral systems are by far the most effective means
of DNA delivery to mammalian cells, but some major limitations including toxicity, immuno‐
genicity, restricted targeting of specific cell types, restricted DNA carrying capacity, produc‐
tion and packaging problems, recombination and high cost, limit their successful applications
in basic research and clinical medicine. The effectiveness of a viral particle is the result of its
highly evolved and specialized structure basically composed of a protein coat surrounding a
nucleic acid core. Such a highly organized structure can prevent viral particles from unwant‐
ed interactions with serum components, while promoting subsequent internalization by cells,
escape from endosomes, and release of genetic material from the particle either before or after
entering the nucleus. Development of a non-viral approach having the beneficial virus-like
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properties and lacking the disadvantageous aspects would emerge as the most attractive one
for implementation in research laboratories and gene therapy.

A major barrier to the non-viral delivery is low uptake of DNA across the plasma mem‐
brane of a cell owing to the inappropriate and ineffective interactions of the DNA delivery
vehicle with the cell membrane. Negatively charged DNA molecules are usually condensed
with cationic reagents to allow formation of the complexes carrying net positive charges. The
resulting complexes can interact electrostatically with anionic heparan sulfate proteoglycans
(syndecans) on cell surface and reach the cytoplasmic side in the form of endosomes through
endocytosis [1]. The extremely low pH and enzymes within the late endosomes usually bring
about degradation of entrapped DNA and associated complexes. Finally, DNA that survives
both endocytic processing and cytoplasmic nucleases must dissociate from the condensed
complexes either before or after nuclear translocation through nuclear pore or during cell
division.

Many therapeutic applications demand a vehicle with capability of delivering transgene(s) to
a selective cell type in order to increase the expression efficacy and alleviate any side effect.
A common strategy in non-viral case involves attachment of a targeting moiety onto a poly‐
cation (lipid or polymer) backbone which finally condenses the DNA through ionic interac‐
tions. Targeting moiety can enable the resulting DNA carrier to bind to a receptor, lectin,
antigen or cell-adhesion molecule on plasma membrane prior to internalization via endocy‐
tosis or phagocytosis. Polylysine, the first backbone used for gene delivery has been conjugat‐
ed to a diverse set of cell-specific ligands, such as asialoorosomucoid [2],  transferrin [3],
epidermal growth factor (EGF) [4], mannose [5], fibroblast growth factor (FGF) [6] and anti‐
bodies [7] for targeting, respectively, hepatocytes via asialoglycoprotein receptors, transfer‐
rin receptor-positive cells, EGF receptor-carrying cells, macrophages through membrane lectins,
FGF receptor-bearing cells and lymphocytes via surface-bound antigens. In the similar fash‐
ions, polymers like polyethylenimine and liposomes have been coupled to other cell surface
receptor-specific ligands in addition to those described above, such as integrin-binding pep‐
tide conjugated onto PEI to target integrins on cell surfaces [8] and vitamin folate conjugat‐
ed onto liposomes through a polyethylene spacer to target folate receptor-bearing cells [9].

Cell adhesion molecules (integrin, syndecan, cadherin, selectin) which are a diverse group
of cell surface proteins mediating interactions between cells, and between cells and the ex‐
tracellular matrix, are valuable targets for precise gene delivery to haematopoietic cells, air‐
way epithelial cells, tumor cells and vascular endothelial cells using synthetically designed
non-viral vectors [10].

Recently, we have reported on the development of a safe, efficient nano-carrier system of
carbonate apatite which can assist both intracellular delivery and release of DNA leading to
very high level of trans-gene expression in cancer and primary cells [11-13]. We have also
revealed a new approach of organic-inorganic hybrid carrier devised by complexing fibronec‐
tin and E-cadherin-Fc chimera electrostatically with nano-particles of carbonate apatite [14,
15]. Specific recognition to cell surface integrin and E-cadherin molecules through double
ligand-coated nano-particles, resulted in synergistic acceleration of transgene delivery and
consequential expression into embryonic stem cells. Instead of simultaneous mixing of DNA
and cell-adhesive molecules in particle-preparation medium and subsequent incubation, step-
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wise addition and incubation of DNA and the protein molecules, results in improved DNA
loading and decreased particle diameter with ability of recognizing stem cell surface for more
efficient transgene delivery. Activation of PKC which might up-regulate both integrin and E-
cadherin, enhances transgene expression in mouse embryonic carcinoma cells.

2. Materials and Methods

2.1. Reagents

Plasmids, pGL3 (Promega) containing a luciferase gene under SV40 promoter and pEGFP-
N2 (CLONTECH Laboratories, Inc.) having a green fluorescence protein gene under CMV
promoter were propagated in the bacterial strain XL-1 Blue and purified by QIAGEN plas‐
mid kits. Lipofectamine 2000 and DMEM were purchased from Invitrogen and Gibco BRL,
respectively. Fibronectin was bought from Sigma and expression as well as purification of E-
cad-Fc fusion proteins was done according to the previously described report [16].

2.2. Cell Culture

HeLa cells were cultured in 75-cm2 flasks in Dulbecco’s modified Eagle’s medium (DMEM,
Gibco BRL) supplemented with 10% fetal bovine serum (FBS), 50 μg penicillin ml-1, 50μg
streptomycin ml-1 and 100μg neomycin ml-1 at 37°C in a humidified 5% CO2-containing atmos‐
phere. F9, a mouse teratocarcinoma stem cell line and EB3, a mouse embryonic stem cell line
were cultured in gelatin-coated 25-cm2 flasks. F9 cells were maintained in Dulbecco’s modi‐
fied Eagle’s medium (DMEM, Gibco BRL) supplemented with 10% fetal bovine serum (FBS)
at 37°C in a humidified 5% CO2-containing atmosphere. Feeder-free murine ES cells were
maintained in KNOCKOUT-DMEM (Invitrogen), supplemented with 1 mM L-glutamine, 1%
nonessential amino acids (Invitrogen), 0.1 mM β-mercaptoethanol (Sigma Chemical), 10% FBS
and 1,000 units/ml leukemia inhibitory factor (LIF) (Chemicon). All media contained 50 μg/ml
penicillin, 50 μg/ml streptomycin, and 100 μg/ml neomycin.

2.3. Transfection of cells

Cells from the exponentially growth phase were seeded at 50,000 cells per well into 24-well
plates the day before transfection. 3 to 6 μl of 1 M CaCl2 was mixed with 2 μg of plasmid DNA
in 1 ml of fresh serum-free HCO3- - buffered (pH 7.5) medium (DMEM) and incubated for 30
min at 370c for complete generation of DNA/carbonate apatite particles. For generation of ECM
protein-embedded carbonate apatite particles, fibronectin and E-cad-Fc proteins were added
either alone or together to a final concentration of 5 μg/ml, to Ca2+ and DNA-containing DMEM
followed by incubation at 370c for 30 min. Medium with generated ECM protein-associated or
non-associated, DNA-containing particles was added with 10% FBS to the rinsed cells. After
4 hr incubation, the medium was replaced with serum supplemented medium and the cells
were cultured for 1 day. Luciferase gene expression was monitored by using a commercial kit
(Promega) and photon counting (TD-20/20 Luminometer, USA). Each transfection experi‐
ment was done in triplicate and transfection efficiency was expressed as mean light units per
mg of cell protein. For lipofectamine-mediated transfection, protocol provided by Invitro‐

pH-Sensitive Nanocrystals of Carbonate Apatite- a Powerful and Versatile Tool for Efficient Delivery of Genetic...
http://dx.doi.org/10.5772/ 53107

267



gen was followed in a 24-well plate. Cells were incubated with DNA/lipofactamine com‐
plexes in serum-free media for 4 hr and like above, grown for 1 day after replacement with
fresh serum media.

For transfection with calcium phosphate-DNA co-precipitation, briefly, 12 μg of plasmid DNA
was added to 300 μl of a solution containing 250 mM CaCl2. This solution was added to 300μl
of a 2×HBS (50 mM Hepes, 140 mM NaCl, 1.5 mM Na2HPO4.2H2O, pH 7.05) and mixed rapidly
by gentle pipetting twice. The DNA/CaPi mixture was incubated at room temperature for the
period of time indicated. After addition of 100 μl of the incubated mixture drop-wise to 1 ml
serum supplemented media of each well, cells were incubated for 4 hr and like above, after
replacement with fresh serum media, grown for 1 day.

2.4. MTT assay

HeLa cells were transfected and cultured for 1 day as described above. 30 μl of MTT solu‐
tion (5mg/ml) was added to each well and incubated for 4 hrs. 0.5 ml of DMSO was added
after removal of media. After dissolving crystals and incubating for 5 min at 370C, absorb‐
ance was measured in a microplate reader at 570 nm with a reference wavelength of 630 nm.

2.5. Chemical analysis

Following generation of carbonate apatite as described above, using 6 mM Ca2+ and no DNA,
precipitated particles were lyophilized after centrifugation and washing with distilled deion‐
ized water. Other apatite particles generated as described above, were also similarly lyphi‐
lized. Calcium and phosphorus contents were determined using SPS 1500 VR Atomic Absorption
Spectrophotometer. Carbon and fluorine were estimated by CHNS-932 (Leco, USA) and SX-
elements micro analyser, YS-10 (Yanaco, Japan), respectively.

2.6. Infrared spectroscopy

Fourier transform-infrared spectroscopy of apatite particles prepared as described above, was
performed using FT/IR-230, JASCO. The samples were ground in a mortar and approximate‐
ly 1 mg was thoroughly mixed with 300 mg of ground spectroscopic grade KBr. Transpar‐
ent pellets were prepared in a KBr die with an applied load of 8000 kg, under a vacuum of 0.5
torr.

2.7. X-ray diffraction

The x-ray diffraction powder reflections of the particles prepared as described above, were
recorded using M18XHF-SRA diffractometer system.

2.8. Particle size measurements

For visualization by a scanning electron microscope (SEM), a drop of DNA-carbonate apa‐
tite suspension prepared according to the instructions in transfection protocol, was added to
a carbon-coated SEM stage and dried, followed by observation by a high resolution SEM (S-800,
Hitachi, Japan). Dynamic light scattering (DLS) measurement for particle suspension was
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carried out with a Super-dynamic Light Scattering Spectrophotometer, ‘Photal’ (Otsuka Elec‐
tronics) at 75 mW Ar laser.

2.9. Confocal laser scanning microscopy

pGL3 vector was labeled with PI at a PI/DNA ratio of 1:1 and particles generated with this
labeled plasmid (described in transfection protocol), were incubated with HeLa cells for 6
hours. Acidic compartments were labeled with 5μM LysoSensor, according to the instruc‐
tions provided by Molecular Probes, and membrane-bound precipitates were removed by 5
mM EDTA in PBS before observation by LEICA TCS-NT.

2.10. SDS-PAGE and Western blotting

Following generation of carbonate apatite as described above using 3 mM Ca2+ and required
amount of fibronectin or E-cad-Fc chimera and no DNA and centrifugation at 15000 rpm for
5 min at 40C, precipitated particles were washed with water with several centrifugation steps
to remove unbound proteins and dissolved with 50 mM EDTA in PBS for subsequent analy‐
sis by 7.5% SDS-PAGE in reducing condition. In order to see particle-bound fibronectin, after
SDS-PAGE, the gel was stained with Coumassie blue, washed and dried. For detection of
particle-associated E-cad-Fc, proteins after being run by SDS-PAGE were transferred to PVDF
membrane (Immobilon, Millipore) and 80 mA current was applied for 90 min to complete
transfer of the proteins. The PVDF membrane was washed with PBS (-)-containing 0.1% Tween
20 and then blocked for 1 hr at room temperature by “Blocking One” (Nacalai Tesque, Ja‐
pan).  The membrane was incubated with horseradish peroxidase (HRP)-conjugated anti-
mouse IgG for 1 hr and washed with PBS-T three to four times to completely remove non-
specific interactions. Enhanced chemiluminescence system (Amersham Bioscience) was used
for visualization.

2.11. DNA labelling, fluorescence microscopy and flow cytometry

Plasmid DNA was labelled non-covalently with propidium iodide (PI) using 1:1 weight ratio
of DNA to PI in the particle preparation medium. Labelled DNA inside the cells was ob‐
served by a fluorescence microscope (Olympus-IX71), following 4 hr incubation of differen‐
tially formulated particle suspensions with F9 cells and removing extracellularly bound particles
by 5 mM EDTA in PBS. For flow cytometric analysis using FACS Calibur (Becton, Dickinson
and Company), 1 day after transfection with pEGFP plasmid DNA, F9 cells were collected in
a sorter buffer following treatment with trypsin-EDTA and repeated centrifugation and wash‐
ing of the resulting cell pellet with PBS (-) (2 times).

3. Results and Discussion

3.1. Generation of carbonate apatite particles

Addition of only 3 mM Ca2+ to the HCO3 - - buffered cell culture medium (DMEM or Wil‐
lium E, pH 7.5) and incubation at 370C for 30 min, resulted in microscopically visible parti‐
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cles. Generation of these particles only in HCO3 - -, but not in Hepes-buffered media or solution
(pH 7.5) containing the same amount of exogenous Ca2+ and phosphate (0.9 mM), indicates
the possible involvement of carbonate along with phosphate and Ca2+ in particle formation.
Elemental analysis proved the existence of C (3%), P (17%) and Ca2+ (32%) and FT-IR spectra
(Fig. 1a) identified carbonate, as evident from the peaks between 1410 and 1540 cm-1 and at
approximately 880 cm-1, along with phosphate in the particles, as shown by the peaks at
1000-1100 cm-1 and 550-650 cm-1. X-ray diffraction patterns (Fig. 1b) indicated less crystalline
nature, represented by broad diffraction peaks of the particles, compared to that of hydrox‐
yaptite (Fig. 1c) – an intrinsic property of carbonate apatite [12].

Figure 1. Infrared spectra of generated carbonate apatite (A) and X-ray diffraction patterns of carbonate apatite (B)
and hydroxyapatite (C).

3.2. Influences of pH and temperature on generation of effective particles of carbonate
apatite

We have investigated a long range of pH (7.0 to 7.9) of the HCO3 − –buffered medium as well
as incubation temperatures (25 °C to 65 °C) in order to make particles by exogenously added
Ca2+ and subsequently transfect HeLa cells using the generated particles. Interestingly, the
optimal Ca2+ concentrations required for generation of effective number of DNA/carbonate
apatite particles leading to the high transfection efficiency, were inversely related to the pHs
of the media (Fig. 2-a) and the incubation temperatures (Fig. 2-b). Thus, while 4 mM Ca2+

was sufficient to induce particle formation at pH 7.4 by incubating the Ca2+-supplemented
buffered medium for 30 min at 37 °C, only 1 mM2+ was enough to stimulate particle genera‐
tion to the similar level at pH 7.9. Like pH, incubation temperatures have also profound and
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sensitive effects on particle formulation and subsequent trans-gene delivery. Thus, at the in‐
cubation temperature of 37 °C, 3 mM Ca2+ was able to induce the proper “supersaturation”
whereas at 65 °C, only 1 mM Ca2+could stimulate “supersaturation” development to a simi‐
lar extent – a prior need for generation of the particles. The decline below the high efficiency
level of transfection was due to the formation of too few particles (microscopically observed)
since increase in pH or temperature contributed to the development of “supersaturation” by
increasing the ionization of phosphate and carbonate in the solution. The new system of par‐
ticle synthesis is, therefore, very flexible since it allows us to make particles at a wide range
of pH and temperatures. The analysis also indicates that induction of “supersaturation” as
required for particle formation, can be delicately controlled by manipulating the parameters.

Figure 2. Regulation of trans-gene delivery and expression facilitated by carbonate apatite particles. Regulation of
trans-gene expression by the nanoparticles of carbonate apatite generated at a wide range of pH and temperature.
DNA/carbonate apatite particles were generated by addition of 1 to 4 mM Ca2+ and 2 μg plasmid DNA to 1 ml HCO3 −
(40 mM)-buffered DMEM medium with a pH range from 7.0 to 7.9, followed by incubation for 30 min either at 37 °C
(a) or at 25 °C to 65 °C (b). Transfection of HeLa cells, HepG2, NIH3T3 and primary hepatocytes was performed in the
same manner as mentioned in ‘Materials and methods’ section.

3.3. Tranfection efficiency and cell viability assessment

To evaluate the role of carbonate apatite as a powerful carrier of genetic material, we com‐
pared transfection efficiency of different techniques including two frequently used ones-
CaP co-precipitation method and lipofection. In HeLa cell, for example, luciferase
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expression level for carbonate apatite-mediated transfection was over 25-fold higher than
for lipofection and CaP co-precipitation method (Fig. 2c). Nano gram level of DNA was
even sufficient for efficient transgene expression (Fig. 2c). Transfection efficiency was also
significantly high in HepG2 (Fig. 2d), NIH 3T3 cells (Fig. 2e) and mouse primary hepato‐
cytes (Fig. 2f). We performed MTT assay in HeLa cells (not shown here) to clarify that high
transfection efficiency was accompanied by high viability of the cells [12].

3.4. Estimation of particle sizes and cellular uptake of particle-associated plasmid DNA

To explore why carbonate apatite is so efficient as a vector for gene delivery, we investigat‐
ed two basic properties of carbonate apatite [12]. Carbonate, when present in the apatite
structure, limits the size of the growing apatite crystals and increases the dissolution rate
[12]. We carried out scanning electron microscopic observation of generated carbonate apa‐
tite (Fig. 3A) which revealed reduced growth of the crystals, most of which had diameters of
50 to 300 nm. We verified this size limiting effect of carbonate by observing cellular uptake
of the PI (propidium iodide)-labeled plasmid DNA adsorbed to the apatites, since large par‐
ticles are phagocytosed less efficiently than small ones [12]. DNA was carried into the cells
by carbonate apatite (Fig. 3B-c) at least 10 times more efficiently than hydroxyapatite, gener‐
ated by 1 min incubation (Fig. 3B-d). Longer period (30 min) incubation resulted in large hy‐
droxyapatite particles [12], showing significantly reduced transfection efficiency [12] (Fig.
2A) due to extremely low cellular uptake of DNA [12]. Our findings, therefore, clearly sug‐
gest that carbonate apatite is superior over hydroxyapatite for its intrinsic property of pre‐
venting crystal growth, leading to high efficiency cellular uptake of DNA.

Figure 3. A, scanning electron microscopy, showing limited growth of generated carbonate apatite cryatals. Scale bar,
600 nm. B, cellular uptake of PI-labeled plasmid DNA associated with carbonate apatite and hydroxyapatite. a, no up‐
take of DNA (control), since endocytosis was blocked by energy depletion (50 mM 2-deoxy glucose and 1 mM Na-
azide). DNA/carbonate apatite particles were prepared in 1 ml serum-free media (described in legend to Fig. 3) using
6 mM Ca2+ and 2 μg DNA. 40 ng (b) and 200 ng (c) of DNA in 20 μl and 100 μl of 1ml suspension respectively, were
allowed for cellular uptake for 4 hr. d, 2 μg of DNA adsorbed to hydroxyapatite (described in experimental protocol)
was allowed for uptake for the same period of time. Bar indicates 50 μM.
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3.5. Endosomal escape of plasmid DNA carried by nanoparticles

To evaluate the role of endosomal escape of DNA in transgene expression, following endo‐
cytosis of PI-labeled plasmid DNA, we labeled endosomes with LysoSensor (a fluorescence
probe for endosomes). Following 6 hr of DNA uptake by cells, a significant portion of DNA
(red colour) appeared to be released from endosomes (green colour) after colocalization of
plasmid DNA with endosomes (Fig. 4).

Figure 4. Endosomal escape of endocytosed PI–labeled DNA, as evident after colocalization with a fluorescence probe
(Lyso-Sensor) for endosomes.

3.6. Relationship of endosomal pH and crystalline properties of particles affecting
transfection

Treatment with bafilomycin A1, a specific inhibitor of v-ATPase (a proton pump for acidifi‐
cation of endocytic vesicles) resulted in drastic reduction of transfection efficiency in HeLa
cells (Fig. 5A), which indicated that acidic environment might be necessary for solubilization
of carbonate apatite to release DNA from the apatite. To establish this notion, we generated
fluoridated carbonate apatite to see the effect of solubility of the particles on transfection ef‐
ficiency, since incorporation of fluoride reduces the solubility of the apatite [12]. Surprising‐
ly, transfection efficiency was reduced gradually to a significant extent (100 fold) with
increasing fluoride level in carbonate apatite (Fig. 5B).

Figure 5. A, Effect of bafilomycin A1 (an inhibitor of v-ATPase) on transfection. HeLa cells were incubated with DNA/
carbonate apatite particles and 200 nM bafilomycin A1 for 6 hr. After washing with 5 mM EDTA in PBS, cells were
grown for 1 day and luciferase expression was detected. B, Changes in luciferase expression for increasing concentra‐
tions of F- (0.01 to 3 mM) and strontium (0.01 to 3 mM) added during generation of DNA/carbonate apatite particles.
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To establish a relationship between transfection efficiency and dissolution rates of the apa‐
tites, turbidity (320 nm) measurement was done as an indicator of their solubilization, fol‐
lowing an acid load in solution of generated apatites. Carbonate apatite generated in
presence of increasing concentrations of NaF, showed gradual decrease in dissolution rates,
as evident from changes in turbidity, following adjustment of pH from 7.5 to 7.0 with 1 N
HCl (Fig. 6 A, B), which is consistent with gradually reduced transfection efficiency of fluo‐
ridated carbonate apatites (Fig. 5 B). With decreasing pH from 7.0 to 6.8, carbonate apatite
was completely solubilized within 1 min, whereas fluoridated carbonate apatite was partial‐
ly dissolved (Fig. 6 B).

To examine whether dissolution rates of apatites are correlated with their degree of crystalli‐
zation, we studied x-ray diffraction of the apatites (Fig. 7), which clearly indicates that apa‐
tite with higher degree of crystallization, had lower solubility (Fig. 6A). In other words,
apatites with higher crystallinity (Fig. 7) showed lower transfection efficiency (Fig. 5 B). The
gradual increase in crystallinity owing to increased level of incorporated fluoride in carbo‐
nate apatite (Fig. 7) resulted in gradual decrease in transfection efficiency (Fig. 5B).

Figure 6. A, Dissolution rates (at pH 7.0) of fluoridated carbonate apatites prepared by addition of 0-3 mM F- during
generation of carbonate apatite at pH 7.5 (described in experimental protocol), were studied by turbidity measure‐
ment at 320 nm of apatite suspensions just after being adjusted to the pH 7.0 with 1 N HCl. B, Dissolution rates of
carbonate apatite, fluoridated carbonate apatite and strontium-containing carbonate apatite at pHs of 7.0 and 6.8.
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Figure 7. X-ray diffraction patterns of carbonate apatite (A) and fluoridated carbonate apatites, containing 0.65% (B),
1.43% (C) and 2.5% (D). Carbonate apatite was generated by addition of 6 mM Ca2+ and fluoridated carbonate apa‐
tites by addition of 1 mM (B), 2 mM (C) and 3 mM (D) NaF along with 6 mM　Ca2+ to HCO3 - -buffered medium
(pH7.5), followed by incubation at 370C

To establish that decreased transfection efficiency was only due to decreased solubility of
fluoridated carbonate apatite, but not by any other fluoride-mediated effects, we examined
the effects of strontium which, when incorporated into carbonate apatite, is known to im‐
prove the crystallinity and reduce the solubility of the apatite, but to a lesser extent than flu‐
oride [12]. As expected, addition of strontium chloride during preparation of carbonate
apatite reduced its dissolution rate but to a level less than that observed for fluoride (Fig 6B).
Moreover, transfection efficiency was gradually decreased with increasing concentrations of
strontium chloride during generation of DNA/carbonate apatite particles (Fig. 5B). Taken to‐
gether, our findings suggest that intracellular release of DNA through dissolution of apatite
should play a major role in carbonate apatite-mediated transfection.

3.7. Immobilization of cell-adhesive molecules on nano-particle surface

Since embryonic stem cells produce substantial amount of fibronectin-specific integrins as
well as E-cadherin as transmembrane proteins [17], we hypothesized that if the nano-parti‐
cles of carbonate apatite could be complexed with fibronectin and E-cadherin, either indi‐
vidually or together, they might recognize in the immobilized state the corresponding
receptors on cell surface in order to facilitate quick internalization of the composite particles
across the plasma membrane through endocytosis. These nano-apatite particles possess
anion- and cation-binding domains which enable them to bind to both acidic and basic ami‐
no acids of protein molecules [18, 19]. On the other hand, fibronectin as well as E-cadherin
are rich in acidic amino acid residues [19, 20] which make them excellent candidates for pos‐
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sible binding with the apatite particles. We have examined whether these “cell adhesive
molecules” could, in deed, bind to the particles, by SDS-PAGE and Western blot analysis,
following generation of apatite-protein composites and decomplexation through EDTA-
mediated particle dissolution. Whereas binding affinity of the particles for fibronectin was
relatively lower requiring higher amount of initially added fibronectin as observed by SDS-
PAGE, almost all E-cad-Fc was found to be associated with the particles as verified by West‐
ern blot analysis (Fig 8). Very high affinity for E-cadherin could be interpreted by the
previous report that E-cadhein has many exposed acidic residues in several loop structures
responsible for binding divalent cation Ca2+ [20].

Figure 8. Analysis of the binding of cell-adhesive proteins to nano-particles. Particles were prepared by addition of 3
μl of 1 M CaCl2 and 5 to 20 μg of fibronectin or 1 to 5 μg of E-cad-Fc to 1 ml bicarbonate-buffered DMEM and incuba‐
tion for 30 min at 370C. Generated particles were centrifuged at 15000 rpm for 5 min and washed 2 times with H2O to
remove the unbound proteins, followed by EDTA treatment to dissolve the particles. SDS-PAGE and Western blot
analysis were performed in order to see, respectively, particle-associated fibronectin (A) or E-cad-Fc (B).

 

3.8. Enhanced cellular uptake of DNA by immobilized cell-adhesive molecules

In order to explore whether apatite particles functionalized with fibronectin and E-cad-Fc
can facilitate enhanced delivery of apatite-associated plasmid DNA across the plasma mem‐
brane, we examined cellular uptake of the DNA labeled with propidium iodide (PI) [19], fol‐
lowing 4 hr incubation of F9 cells with various particle formulations. As shown in Fig. 9,

Advances in Biomaterials Science and Biomedical Applications276



sible binding with the apatite particles. We have examined whether these “cell adhesive
molecules” could, in deed, bind to the particles, by SDS-PAGE and Western blot analysis,
following generation of apatite-protein composites and decomplexation through EDTA-
mediated particle dissolution. Whereas binding affinity of the particles for fibronectin was
relatively lower requiring higher amount of initially added fibronectin as observed by SDS-
PAGE, almost all E-cad-Fc was found to be associated with the particles as verified by West‐
ern blot analysis (Fig 8). Very high affinity for E-cadherin could be interpreted by the
previous report that E-cadhein has many exposed acidic residues in several loop structures
responsible for binding divalent cation Ca2+ [20].

Figure 8. Analysis of the binding of cell-adhesive proteins to nano-particles. Particles were prepared by addition of 3
μl of 1 M CaCl2 and 5 to 20 μg of fibronectin or 1 to 5 μg of E-cad-Fc to 1 ml bicarbonate-buffered DMEM and incuba‐
tion for 30 min at 370C. Generated particles were centrifuged at 15000 rpm for 5 min and washed 2 times with H2O to
remove the unbound proteins, followed by EDTA treatment to dissolve the particles. SDS-PAGE and Western blot
analysis were performed in order to see, respectively, particle-associated fibronectin (A) or E-cad-Fc (B).

 

3.8. Enhanced cellular uptake of DNA by immobilized cell-adhesive molecules

In order to explore whether apatite particles functionalized with fibronectin and E-cad-Fc
can facilitate enhanced delivery of apatite-associated plasmid DNA across the plasma mem‐
brane, we examined cellular uptake of the DNA labeled with propidium iodide (PI) [19], fol‐
lowing 4 hr incubation of F9 cells with various particle formulations. As shown in Fig. 9,

Advances in Biomaterials Science and Biomedical Applications276

while with only apatite particles, delivery of PI-labeled DNA into the cells was extremely
low, complexation of the particles with either fibronectin or E-cad-Fc resulted in significant‐
ly improved DNA delivery, suggesting that immobilized fibonectin or E-cad-Fc retained
their functionalities in order to recognize specific cell surface integrin or E-cadherin, respec‐
tively for enabling subsequent internalization of the whole particle composite through endo‐
cytosis [19, 21]. Moreover, the apatite particles when complexed with both fibronectin and
E-cad-Fc, demonstrated more pronounced DNA delivering activity compared to the parti‐
cles embedded with either fibronectin or E-cad-Fc, indicating a synergistic effect of the mul‐
tifunctional particles on endocytosis through simultaneous recognition of extracellular
domains of specific integrin as well as E-cadherin molecules.

Figure 9. Effects of particle-immobilized proteins on cellular internalization of plasmid DNA. Particles were prepared
by addition of 3 μl of 1 M CaCl2, 2 μg of PI-labelled plasmid DNA and 5 μg of fibronectin and/or 5 μg of E-cad-Fc to 1
ml bicarbonate-buffered DMEM and incubation for 30 min at 370C. F9 cells were incubated with the generated parti‐
cles for 4 hr, washed with 5 mM EDTA in PBS and visualized by a fluorescence microscope (scale bar, 50 μm).

 

3.9. Quantitation and validation of trans-gene expression facilitated by cell-adhesive
molecules

Since expression of a trans-gene is the result of overcoming a number of barriers including
entry into the cells, release from the particle and endosomes and finally nuclear transloca‐
tion [17, 18], we have investigated whether improved DNA delivery as a result of integrin-
and E-cadherin-mediated endocytosis of composite particles (Fig. 9) contributed to the
similar extent to final protein expression. Quantitative luciferase expression analysis indicat‐
ed that particles complexed with fibronectin or E-cad-Fc promoted trans-gene expression
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with a value which was almost 20 times higher than that achieved for the particles only (Fig
10). A prior optimization study demonstrated that 1 to 5 μg/ml of fibronectin as well as E-
cad-Fc conferred the best transfection efficiency and was, therefore, maintained for all sub‐
sequent experiments. Finally, synergistic activity of fibronectin and E-cad-Fc which caused
huge cellular uptake of DNA (Fig. 9), further accelerated gene expression efficiency with a
value almost 3 times higher than that observed for commercially available lipofectamine
(Fig. 10). With increasing the total amount of initially added DNA up to 4 μg, a further in‐
crease in trasfection efficiency was observed (data not shown here) possibly due to the high‐
er loading of DNA into the crystals with the consequence of more DNA getting inside the
cells. The high level of expression could directly be observed by fluorescence microscopy
which demonstrated many GFP-expressing F9 cells (Fig. 11). Fluorescence Activated Cell
Sorting (FACS) analysis demonstrated that almost 60% cells were GFP-positive following
transfection with the particles carrying, in addition to pEGFP plasmid DNA, both fibronec‐
tin and E-cad-Fc (Fig 11). MTT assay was performed in F9 cells to clarify that high transfec‐
tion efficiency was not accompanied by significant toxicity of the cells (data not shown
here). In order to establish that such organic-inorganic hybrid particles promote trans-gene
delivery and expression through specific interactions with cell-surface molecules (integrin or
E-cadherin), we added increasingly high amounts of free fibronectin to the preformed parti‐
cle suspension carrying both fibronectin and E-cadherin and incubated with the cells for the
same period of time (4 hr) as followed in usual transfection procedure. Transfection efficien‐
cy decreased as the concentration of free fibronectin increased from 5 to 100μg/ml, indicat‐
ing the involvement of specific interactions between immobilized fibronectin and the
corresponding specific integrin receptors (Fig 12). At a sufficiently high concentration (300
μg/ml), free fibronectin drastically reduced luciferase expression suggesting that high
amount of fibronectin molecules not only saturate their specific integrins and block binding
of immobilized fibronectin needed for particle internalization, but also shield cell-surface E-
cadherin and prevent specific binding of particle surface-embedded E-cad-Fc chimera lead‐
ing to very low cellular uptake of particle-associated DNA and diminished luciferase
expression. Since embryonic stem cells are the final target for genetic modification in regen‐
erative medicine, we applied the new transfection approach to mouse embryonic stem cells.
As shown in Fig. 13, only apatite particles were extremely inefficient in transfecting the cells,
whereas fibronectin-bound particles to some extent promoted GFP expression and fibronec‐
tin and E-cad-Fc-bound particles to a significant extent accelerated trans-gene expression,
thus proposing that the synergistic effect is a universal way of accelerating trans-gene deliv‐
ery and expression using inorganic nano-particle-associated cell recognizable proteins.
Quantitative luciferase expression in embryonic stem cells indicated that particles com‐
plexed with fibronectin and E-cad-Fc individually, promoted trans-gene expression with ef‐
ficiency approximately 9 and 7 times higher, respectively, than that achieved with the
particles only (Fig. 14). However, when the particles were associated with both fibronectin
and E-cadherin-Fc, a synergistic effect resulted in remarkable level of transgene expression
leading to almost 40 and 28 times higher efficiency than that obtained by apatite particles
and widely used lipofectamine 2000 system [14].
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Figure 10. Comparison of luciferase expression for differentially formulated particles. Particles were prepared by addi‐
tion of 3 μl of 1 M CaCl2, 2 μg of luciferase plasmid DNA and 5 μg of either fibronectin, E-cad-Fc or both to 1 ml bicar‐
bonate-buffered DMEM and incubation for 30 min at 370C. F9 cells were incubated with the generated particles for 4
hr and after replacement of particle-containing media with fresh media, further incubated for 1 day in order to quan‐
titate luciferase expression. Transfection efficiency was normalized after estimation of total proteins in cell lysate.

Figure 11. Comparison of GFP expression between only particles and fibronectin/E-cad-Fc-embedded-particles. Parti‐
cles were prepared by addition of 3 μl of 1 M CaCl2, 2 μg of pEGFP plasmid DNA and 5 μg of fibronectin and 5 μg of E-
cad-Fc to 1 ml bicarbonate-buffered DMEM and incubation for 30 min at 370C. F9 cells were incubated with the
generated particles for 4 hr and after replacement of particle-containing media with fresh media, further incubated
for 1 day in order to both observe and quantitate GFP expression by fluorescence microscopy and flow cytometry, re‐
spectively (scale bar, 50 μm).
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Figure 12. Blocking of integrin-mediated trans-gene delivery by excess free fibronectin. Particles were prepared by
addition of 3 μl of 1 M CaCl2, 2 μg of luciferase plasmid DNA and 5 μg of fibronectin and 5 μg of E-cad-Fc to 1 ml
bicarbonate-buffered DMEM and incubation for 30 min at 370C. F9 cells were incubated with the generated particles in
presence or absence of increasingly high concentrations of free fibronectin for 4 hr and after replacement of particle-
containing media with fresh media, further incubated for 1 day in order to quantitate luciferase expression. Transfec‐
tion efficiency was normalized after estimation of total proteins in cell lysate.

Figure 13. Enhancement of GFP expression in mouse embryonic stem cells with fibronectin/E-cad-Fc-embedded-parti‐
cles. Particles were prepared by addition of 3 μl of 1 M CaCl2, 2 μg of pEGFP plasmid DNA and 5 μg of fibronectin and 5
μg of E-cad-Fc to 1 ml bicarbonate-buffered DMEM and incubation for 30 min at 370C. Embryonic stem cells were incu‐
bated with the generated particles for 4 hr and after replacement of particle-containing media with fresh media, fur‐
ther incubated for 1 day in order to see GFP expression by a fluorescence microscope (scale bar, 50 μm).
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Figure 14. Comparison of luciferase expression for differentially formulated apatite particles and liposomes. Particles
were prepared by addition of 3 μl of 1 M CaCl2, 2 μg of luciferase plasmid DNA and 2 μg of either fibronectin, E-cad-Fc
or both to 1 ml bicarbonate-buffered DMEM and incubation for 30 min at 370C. Embryonic stem cells were incubated
with the generated particles for 4 hr and after replacement of particle-containing media with fresh media, further in‐
cubated for 1 day in order to quantitate luciferase expression. Transfection efficiency was normalized after estimation
of total proteins in cell lysate. Transfection by lipofectamine was performed according to the instructions provided by
Invitrogen.

 

3.10. DNA binding with differentially formulated cell adhesive protein-embedded
particles

Since direct mixing of DNA and cell-adhesive proteins in Ca2+ and PO4 3--containing medi‐
um prior to induction of particle formation by incubation at 370C for 30 min, could interfere
with maximum DNA loading due to the competitive binding of the proteins to the growing
crystals, we investigated DNA binding efficiency by first adding DNA to the particle-prepa‐
ration medium prior to time-dependent addition of the proteins [22]. As shown in Fig. 15, in
the direct mixing process (control), DNA binding is much higher for E-cadherin-Fc com‐
pared to fibronectin, indicating that E-cadherin-Fc facilitates DNA loading probably by accel‐
erating particle growth because turbidity of particle suspension was higher for E-cadherin-
Fc than for fibronectin (not shown). It is worth mentioning that only particles have also higher
affinity towards DNA (almost 40%) that the particles associated with fibronectin which showed
lower turbidity than the particles (mentioned before), suggesting again that particle growth
has a significant role in the observed DNA binding efficiency. When cell adhesive proteins
were added after 5, 10 and 20 min from the start of incubation of DNA-containing particle-
preparation medium, followed by incubation for an additional 25, 20 and 10 min respective‐
ly,  DNA binding to the particles was enhanced to a significant extent for fibronectin, E-
cadherin and fibronectin/E-cadherin-Fc compared to the control, suggesting than a competitive
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inhibition of DNA binding happens in the direct mixing procedure while delaying addition
of the proteins to the growing crystals and DNA favors optimal DNA binding to the parti‐
cles. Decreased DNA binding to the particles with which E-cadherin and fibronectin/E-cadherin-
Fc were incubated for only 1 min, could be due to the reduced growth of the particles for too
long time absence of E-cadherin-Fc in particle-preparation medium.

Figure 15. Binding affinities of DNA to differentially formulated cell adhesive protein-embedded particles. Particles in
the control samples were prepared by addition of 3 μl of 1 M CaCl2, 2 μg of luciferase plasmid DNA and 2 μg of either
fibronectin, E-cad-Fc or both to 1 ml bicarbonate-buffered DMEM and incubation at 370C for 30 min. Formation of the
particles in experimental samples was done by addition of fibronectin, E-cadherin-Fc or both after 5, 10, 20 and 29
min from the start of incubation of DNA-containing particle preparation medium, followed by incubation for an addi‐
tional 25, 20, 10 and 1 min respectively. F9 cells were incubated with the generated particles for 4 hr and after re‐
placement of particle-containing media with fresh media, further incubated up to 1 day for quantitation of luciferase
expression. Transfection efficiency was normalized after estimation of total proteins in cell lysate.

 

3.11. Size determination for differentially formulated cell adhesive protein-embedded
particles

Particle growth kinetics is correlated to the size of the finally formed particles and exces‐
sive growth lead to big size particles being inefficient for intracellular DNA delivery [11].
Since E-cadherin-Fc favors particle growth by making bridges among the neighboring E-
cadherin-anchored crystals [14], prolonged incubation together with DNA for generation of
functional particles might lead to large complex particles. As shown in Fig. 16, fibronectin
association maintained the average particle diameter close to 300 nm whereas E-cadherin-
Fc or fibronectin/E-cadherin-Fc induced the particle growth with an average diameter of
approximately 900 nm. However, addition of E-cadherin-Fc or fibronectin/E-cadherin-F af‐
ter 5, 10, 20 and 29 min from the start of incubation of DNA-containing particle-prepara‐
tion medium, followed by incubation for an additional 25, 20, 10 and 1 min respectively,
resulted in the particles of decreasing sizes with a minimum average value of approximate‐
ly 300 nm. On the other hand, time-dependent association of fibronectin having no role in
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particle growth induction,  demonstrated no significant change in overall  particle diame‐
ter, suggesting that particle growth is the size-determining factor for cell-adhesive protein-
embedded particles.

Figure 16. Estimation of sizes for differentially formulated cell adhesive protein-embedded particles. Following prepa‐
ration of different particles as mentioned in the legend to Figure 4, dynamic light scattering (DLS) measurement was
performed with a Super-dynamic Light Scattering Spectrophotometer.

 

3.12. Cellular delivery of DNA in association with cell adhesive protein-embedded
particles

Both DNA binding to  the particles  and particle  size  contribute  to  the overall  uptake of
DNA by cells. As shown in Fig. 17, only particles were very inefficient in delivering pro‐
pidium (PI)-labeled  plasmid DNA into  F9  cells  whereas  particles  being  associated  with
fibronectin or E-cadherin-Fc significantly increased cellular delivery of labeled DNA in a
4 hr uptake study. Moreover, particles when complexed with both fibronectin and E-cad‐
herin-Fc in direct mixing with DNA, synergistically accelerated delivery of PI-labeled DNA
into  the  cells.  Particles  prepared  by  addition  of  fibronectin  or  fibronectin/E-cadherin-Fc
after  5,  10  and 20  min  from the  start  of  incubation  of  labeled  DNA-containing  particle
preparation medium and incubation for an additional 25, 20 and 10 min respectively, medi‐
ated increased cellular delivery of labeled DNA, indicating that transgene delivery is well-
controlled  by  the  sizes  as  well  as  the  DNA-loading  efficiency  of  cell  adhesive  protein-
embedded particles.  Reduced DNA uptake level  for  the small  size  particles  with which
cell-adhesive proteins were incubated for a very short time (1 min) could be accounted for
their inefficient binding with the cell-recognition molecules. The reason for low DNA up‐
take for the particles to which only E-cadherin-Fc was adsorbed in a time-dependent man‐
ner, is still not clear and might be related to the serum instability of the complex particles
at the time of transgene delivery.
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Figure 17. Differentially formulated cell adhesive protein-embedded particles for cellular delivery of DNA. Particles in
the control samples were prepared by addition of 3 μl of 1 M CaCl2, 2 μg of PI-labelled plasmid DNA and 2 μg of either
fibronectin, E-cad-Fc or both to 1 ml bicarbonate-buffered DMEM and incubation at 370C for 30 min. Formation of the
particles in experimental samples was done by addition of fibronectin, E-cadherin-Fc or both after 5, 10, 20 and 29
min from the start of incubation of DNA-containing particle preparation medium, followed by incubation for an addi‐
tional 25, 20, 10 and 1 min respectively. F9 cells were incubated with the generated particles for 4 hr, washed with 5
mM EDTA in PBS and visualized by a fluorescence microscope (scale bar, 100 μm).

 

3.13. Transfection efficiency achieved with cell adhesive protein-embedded particles

Since transgene expression is the result of overcoming a number of barriers including entry
into the cells, release from the particles and endosomes, and finally nuclear translocation
[11], we checked whether accelerated DNA delivery owing to the improved DNA loading
capacity and smaller sizes of fibronectin and E-cadherin-Fc-anchored carbonate apatite par‐
ticles, contributed to the similar extent to final protein expression (Fig. 18). Quantitative luci‐
ferase expression demonstrated that particles generated by addition of fibronectin and
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fibronectin/E-cadherin-Fc after 5 min from the start of incubation of DNA-containing medi‐
um and incubation for an additional 25 min, enhanced 2 and 3-fold higher transgene expres‐
sion than the control samples prepared by direct mixing with DNA. This is a significant
achievement considering the high expression level already achieved with control samples
[15]. The decline in luciferase expression for other samples is consistent with the low effi‐
ciency of DNA delivery as described before.

Figure 18. Intracellular expression of luciferase gene delivered by differentially formulated cell adhesive protein-em‐
bedded particles. Particles in the control samples were prepared by addition of 3 μl of 1 M CaCl2, 2 μg of PI-labelled
plasmid DNA and 2 μg of either fibronectin, E-cad-Fc or both to 1 ml bicarbonate-buffered DMEM and incubation at
370C for 30 min. Formation of the particles in experimental samples was done by addition of fibronectin, E-cadherin-
Fc or both after 5, 10, 20 and 29 min from the start of incubation of DNA-containing particle preparation medium,
followed by incubation for an additional 25, 20, 10 and 1 min respectively. F9 cells were incubated with the generated
particles for 4 hr and after replacement of particle-containing media with fresh media, further incubated up to 1 day
in order to quantitate luciferase expression. Transfection efficiency was normalized after estimation of total proteins
in cell lysate.

 

3.14. Role of protein kinase C on immobilized fibronectin and E-cad-Fc-mediated gene
delivery

Since protein kinase C (PKC) in “inside-out” signaling cascade enhances integrin affinity
towards ECM proteins promoting cell  adhesion and spreading [23, 24] and up regulates
endocytosis and recycling of E-cadherin [21],  we have investigated the effect  of  Phorbol
12-myristate 13-acetate (PMA), a specific activator of PKC on trans-gene delivery mediat‐
ed by particle-immobilized fibronectin and E-cadherin-Fc. As shown in Fig. 19, while on‐
ly carbonate apatite particles are very inefficient in transfecting F9 cells even in presence
of  increasing  doses  of  PMA (0  to  100  nM),  fibronectin-  or  E-cad-Fc-embedded particles
showed significant increment in luciferase gene expression ( 2 to 10 times) depending on
PMA concentrations. Surprisingly, particles when associated with both of the “cell adhe‐
sive molecules” remarkably enhanced trans-gene expression resulting in almost 8,  14, 20
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and 92-fold higher efficiency due to the presence of PMA at 1, 10, 50 and 100 nM concen‐
trations, respectively. Immobilization of either fibronectin or E-cad-Fc on the particles al‐
so showed a dramatic increment in transgene expression,  indicating clearly that  both of
the transmembrane proteins integrin and E-cadherin are up-regulated in response to PKC
activation to promote efficient internalization of the bio-functional particles across the plas‐
ma membrane (data not shown here) and subsequent expression of the particle-associat‐
ed DNA in cytoplasm [27] (Fig 19).

Figure 19. Effects of PMA on trans-gene expression mediated by fibronectin/E-cad-Fc-embedded-particles. Particles
were prepared by addition of 3 μl of 1 M CaCl2, 2 μg of luciferase plasmid DNA and 2 μg of either fibronectin, E-cad-Fc
or both to 1 ml bicarbonate-buffered DMEM and incubation for 30 min at 370C. F9 cells were incubated with the gen‐
erated particles in presence of increasingly high concentrations of PMA (o to 100 nM) for 1 hr and after replacement
of particle- and PMA-containing media with fresh media, further incubated for 1 day in order to quantitate luciferase
expression.

 

3.15. Transfection efficiency achieved in leukemia cells with cell adhesive protein-
embedded particles

T cell expresses on its membrane α4β1 and α5β1 integrins which can bind fibronectin dur‐
ing lymphocyte adhesion and migration from vascular compartment to the injured tissues
[22]. Moreover, αEβ7 integrin on some T cells can interact with epithelial E-cadherin for tis‐
sue-specific retention of lymphocytes [22]. We, therefore, aimed to functionalize the surface
of DNA-associated nanocrystals with fibronectin and E-cadherin-Fc for transgene delivery
through integrin-mediated endocytosis [22].

As shown in Fig. 20, luciferase expression in Jurkat cells was significantly low after delivery
of luciferase gene-containing plasmid DNA with the help of carbonate apatite particles. A 3-
fold enhancement in transgene expression was observed following delivery with fibronec‐
tin-embedded particles. Transgene expression could be further increased to the level (up to
6 times) equivalent to that of lipofection with the particles complexed with both fibronectin
and E-cadherin-Fc. Since lymphocytes posses 2 different types of integrins (α4β1 and α5β1)
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were prepared by addition of 3 μl of 1 M CaCl2, 2 μg of luciferase plasmid DNA and 2 μg of either fibronectin, E-cad-Fc
or both to 1 ml bicarbonate-buffered DMEM and incubation for 30 min at 370C. F9 cells were incubated with the gen‐
erated particles in presence of increasingly high concentrations of PMA (o to 100 nM) for 1 hr and after replacement
of particle- and PMA-containing media with fresh media, further incubated for 1 day in order to quantitate luciferase
expression.

 

3.15. Transfection efficiency achieved in leukemia cells with cell adhesive protein-
embedded particles

T cell expresses on its membrane α4β1 and α5β1 integrins which can bind fibronectin dur‐
ing lymphocyte adhesion and migration from vascular compartment to the injured tissues
[22]. Moreover, αEβ7 integrin on some T cells can interact with epithelial E-cadherin for tis‐
sue-specific retention of lymphocytes [22]. We, therefore, aimed to functionalize the surface
of DNA-associated nanocrystals with fibronectin and E-cadherin-Fc for transgene delivery
through integrin-mediated endocytosis [22].

As shown in Fig. 20, luciferase expression in Jurkat cells was significantly low after delivery
of luciferase gene-containing plasmid DNA with the help of carbonate apatite particles. A 3-
fold enhancement in transgene expression was observed following delivery with fibronec‐
tin-embedded particles. Transgene expression could be further increased to the level (up to
6 times) equivalent to that of lipofection with the particles complexed with both fibronectin
and E-cadherin-Fc. Since lymphocytes posses 2 different types of integrins (α4β1 and α5β1)
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being able to bind fibronectin [22], particles with electrostatically associated fibronectin
could recognize any of the two receptors for efficient endocytosis in Jurkat cells leading to
high transgene expression. However, particles with adsorbed E-cadherin-Fc reduced trans‐
fection efficiency below the level obtained with particles only, indicating that binding of E-
cadherin-Fc probably neutralizes the positive charges of the particles as required for their
subsequent interaction with anionic cell surface and additionally, E-cadherin-Fc on the par‐
ticle surface might have low affinity interaction with the cell membrane integrin (αEβ7). On
the other hand, the highest gene expression obtained with the particles complexed with both
fibronectin and E-cadherin-Fc could be interpreted by the strong affinity of the composite
particles towards the cell membrane due to the specific and synchronized recognition of the
two different ligands on particle surface to their corresponding integrin receptors on plasma
membrane, resulting in fast endocytosis of the particles along with DNA.

Figure 20. Comparison of luciferase expression among differentially formulated apatite particles. Particles were pre‐
pared by addition of 3 μl of 1 M CaCl2, 2 μg of luciferase plasmid DNA and 2 μg of either fibronectin, E-cad-Fc or both to
1 ml bicarbonate-buffered DMEM and incubation for 30 min at 370C. Jurkat cells were incubated with the generated
particles for 1 day followed by quantitation of luciferase expression. Transfection efficiency was normalized after esti‐
mation of total proteins in cell lysate. Transfection by lipofectamine was performed according to the instructions pro‐
vided by Invitrogen. Reproducibility of the result was established by performing same the experiment in another day.

4. Conclusions

Stem cells possessing the inherent capability of transforming into many cell types, have been
shown tremendous potential for cell-based therapies in regenerative medicine for neurologi‐
cal disease or injury [28], diabetes [29] and myocardial infarct [30]. The in vitro differentiated
derivatives of stem cells are thought to be able to repair or replace damaged cells, tissues or
organs. However, compared to embryonic stem cells, adult stem cells are likely more diffi‐
cult to be implemented into useful therapies considering their limited pluripotency. Trans‐
gene delivery could be a powerful strategy for specific differentiation of embryonic stem
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cells since several transcription factors have been demonstrated to regulate stem cell differ‐
entiation to specific cell types of heart, pancreas, liver and neurons [31-36]. On the other
hand, tumor cells such as leukemia and lymphoma cells are obvious and attractive targets
for gene therapy. Gene transfer and expression for cytokine and immunomodulatory mole‐
cules in various kinds of tumor cells have been shown to mediate tumor regression and anti‐
metastatic effects [37-40]. Moreover, genetically modified leukemia cells expressing co-
stimulatory molecules or cytokines are likely to have significant therapeutic roles for
patients with leukemia [41, 42].

Among the existing approaches for transgene delivery, viral systems suffer from their po‐
tential life-threatening effects of immunogenicity and carcinogenicity whereas non-viral
ones, although safe, possess significant limitation in terms of efficacy [43]. Development of a
safe as well as an efficient carrier is, therefore, an urgent requirement for effective imple‐
mentation of the stem cells in regenerative medicine and the leukemia (or lymphocytes) in
cancer treatment.

We have established a novel type of non-viral gene delivery systems based on pH-sensitive
inorganic nanoparticles and revealed an innovative strategy for surface-functionalization of
these biodegradable nanoparticles through their ionic interactions with “cell-adhesive mole‐
cules”. Moreover, the new approach has directly been applied for highly efficient delivery
and expression of a trans-gene into “hard-to-transfect” embryonic stem cells- a success with
tremendous future for stem-cell based therapeutic development. The involvement of E-cad‐
herin and fibronectin in intercellular and extracellular interactions of cultured undifferenti‐
ated embryonic stem cells may exclude the possibility of stem cell differentiation following
transfection with the new nano-apatite carriers associated with E-cad-Fc and fibronectin.
More the same approach has successfully used to transfect the leukemia cells having poten‐
tial application in cancer therapy.
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1. Introduction

Unmet need. It is beyond dispute that human population is ageing. For the first time in history,
people age 65 and over will outnumber children under age 5. This trend is emerging around
the globe, and will bring several challenges for health technologies. For instance, in a few
decades, the loss of health and life worldwide will be greater from chronic diseases than from
infectious diseases and accidents [4].

The report made by the National Institute of Health and the National Institute of Aging (NIH/
NIA) underscores the unmet needs lying ahead for regenerative medicine. Chronic diseases,
in opposition to infectious diseases, are mainly treated by regenerative approaches, instead of
immunization and antibiotics.

Actually, many of those challenges are already present in our daily living: malformations
[9,14], accidents [16], chronic infections [9,15], and end-organ failure [17] (usually occurs
during the final stages of degenerative and other diseases), may, in some cases, only be treated
by organ replacement. In fact, end-organ failure alone already affects millions of Americans.
More specifically, nearly six million Americans suffer from heart failure with approximately
550,000 new cases diagnosed annually, 530,000 Americans suffer from end-stage renal disease
and nearly 25 million Americans suffer from chronic obstructive pulmonary disease with an
estimated 12 million new annual diagnoses [5]. As already stated, for many of those patients,
organ transplantation is their only treatment option. Currently, organ transplantation is
considered the best option for some patients and achieves up to 98,5% of patient 1-year survival
rates [18]. Unfortunately, though, current organ shortage/recovering engenders waiting lines
of up to three or more years [5]. During 2008, for instance, the number of heart transplantations

© 2013 Carvalho et al.; licensee InTech. This is an open access article distributed under the terms of the
Creative Commons Attribution License (http://creativecommons.org/licenses/by/3.0), which permits
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decreased 2,67%, even though waiting lines increased during the same year. Such decrease
occurred mainly due to a reduction in number of recovered organs [18].

It is clear that alternatives to organ transplantation need to be developed as soon as possible.
That`s where tissue engineering comes into picture.

Tissue engineering. Tissue engineering refers to an “interdisciplinary field that applies the
principles of engineering and the life sciences toward the development of biological substitutes
that restore, maintain, or improve tissue function” [3]. The term was first coined by Dr. Fung,
from California University, which suggested this name during the National Science
Foundation Meeting, in 1987 [2]. The first official definition dates to 1988, though, when Skalak
and Fox published it after the “Tissue engineering Meeting” held in Lake Tahoe, USA during
that year [1].

In 1993, Langer and Vacanti described three strategies for the creation of new tissue in vitro [3].

1. Isolated cells or substitutes. The concept of treating injured tissues with isolated cells is
currently regarded as cell therapy. Infusion of cells, e.g. stem cells, has presented several
promising results, and have already been approved for human use for specific
applications [21] but in some cases, is hindered by the lack of fixation of cells in the site
of lesion. When injected systemically, stem cells are attracted to injured tissues, but are
also found in several organs such as lungs, liver and spleen [56].

2. Tissue inducing substances. At the time, tissue inducing substances included growth factors,
small molecules, and other classes of molecules which, if delivered in the organism, would
promote several effects on cells, such as growth [58], survival [58], migration [57] and neo
tissue formation.

3. Cells placed on or within matrices. Associated cells and substrates provide the injured tissue
with continuity, and promotes cell attachment and fixation. In this context, scaffolds may
be associated with inducing substances, providing means to combine all the aforemen‐
tioned strategies. The combination of cells and matrices, in addition to inducing
substances or not, is currently the main strategy for tissue engineering, as depicted in
Figure 1.

Currently, tissue engineering focuses mainly of associating cells with supports (also called
biomaterials or scaffolds), in order to: i. promote cell attachment and restrict their distribution
in the tissue, ii. direct cell distribution and differentiation, iii. sustain large tissue losses while
new tissue is formed, and ultimately, to iv. lead to new tissue formation.

Since its early days, tissue engineering has significantly evolved in each of its pillars – Cells,
signaling molecules and scaffolds. This evolution covered both conceptual aspects - as
evidenced above – as well as practical aspects, mainly reflected in the achievements of the field
(for more information, go to conclusion section). Unfortunately, even though cells and
signaling molecules platforms have evolved during the past decades, leading to major field
evolution, the degree of success of tissue engineering methods is still highly dependent on the
properties of the scaffold. Therefore, this study focuses on the main Achille`s Hill of tissue
engineering: production of scaffolds for biological applications.
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Figure 1. Tissue engineering strategies. Based on [59]. Tissue engineering may be performed by several different ap‐
proaches, as proposed by Langer and Vancanti. In order to obtain tissue regeneration, cells, scaffolds and signaling
molecules may be introduced into the body alone or in association. Currently, the association of all three elements,
composing bioactive constructs, is proposed to be the best option for tissue engineering.

In the present chapter, we present the current status of tissue engineering. First, we present
a comprehensive picture of classical tissue engineering approaches, as well as an analytic
view of its main achievements and limitations. Secondly, we present innovative and para‐
digm breaking strategies for successful tissue engineering, accompanied by the history and
rationale behind each of them. Finally, we analyze the next steps of tissue engineering trans‐
lation into the clinic.

2. Classical tissue engineering approaches

Association of cells to classic biodegradable solid/porous biomaterial represents a dominat‐
ing conceptual framework in tissue engineering. Actually, men have used biomaterials
(alone, not associated to cells) in order to substitute eventual tissue loss since ancient civili‐
zations [11]. In the early days, all kinds of materials derived from natural and manufactured
sources were used as biomaterials. Natural materials included wood and shells, and manu‐
factured materials comprised metals such as iron, gold and zinc. The host responses to these
materials were extremely varied, and only after the concept of sterility, biomaterial implants
began to achieve consistent safety. During the last 30 years, further progress has been made
in understanding the interactions between the tissues and the materials.
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Since then, tissue reconstitution evolved to a more sophisticated approach, in which the regen‐
eration of the tissue/organ was clearly viewed as the ideal way of treating injuries, compared to
biomaterial science, which simply reconstitutes tissue structure, without restoring tissue func‐
tion in most situations. This paradigm evolution led to the emergence of tissue engineering.

Tissue engineering based on biomaterials relies on four main classes of materials: i. Poly‐
mers, ii. Ceramics, iii. Metals and iv. Composites (blends and combinations of the aforemen‐
tioned materials). Biomaterials may derive from natural or synthetic sources [12].

The association of cells to biomaterials is called construct and is the base of current tissue
engineering, as already stated. Construct-based classic tissue engineering platform derives
from several basic assumptions, as described by Mironov et al., 2009 [31]: “1) cell growth is
substrate attachment-dependent; cells need a solid substrate for attachment and prolifera‐
tion; 2) tissue constructs must have an organo-specific shape; a solid scaffold is essential to
keep the desired shape; a tissue construct could not maintain its shape without a solid rigid
scaffold; 3) the scaffold serves not only as an attachment substrate, but also as a source of
inductive and instructive signals for cell differentiation, migration, proliferation and orienta‐
tion; 4) the porous structure of a solid scaffold will allow optimal cell seeding, tissue con‐
struct viability, and vascularization; and 5) mechanical properties initially provided by the
rigid solid scaffold after its biodegradation will be maintained by controlled neomorphogen‐
esis of parenchymal and stromal tissue synthesized in vitro or in vivo in the tissue construct”.

Considering these basic assumptions, currently, classic tissue engineering is made taking
several aspects into account, which will be highlighted below.

1. Construct design. Currently, scaffold design is a complex science, in which several aspects
are carefully addressed in order to produce successful constructs. Those aspects include,
but are not restricted to:

i. Choosing the most suitable biomaterial for the envisioned application. Organs and tissues
in the human body present different characteristics, therefore, the ideal biomaterial
must reproduce as many as those features as possible. Such aspects include tissue
resistance, elasticity, resilience, and chemical composition, among others, in addition
to biocompatibility. For instance, a biomaterial designed to be used in a skin construct
must be thin and elastic. A biomaterial for application in corneas, on the other hand,
must also be thin, but most importantly, it must be transparent.

ii. Customizing the material in order to promote cell colonization. The ideal construct must
promote rapid and equal cell adhesion and colonization, therefore scaffolds are usually
porous and present a surface which is recognized directly or indirectly (by promoting
protein adsorption) by the cell as a substrate for attachment. Usually, materials such as
chitosan and collagen are used as biomaterials,  due to their  resemblance to the
extracellular matrix and their efficacy in promoting cell adhesion [26,27]. In case of other
materials, such as metals and ceramics, biomaterial surface may not be easily recognized
by cells. In order to improve cell contact and adhesion by cells, many strategies have
been developed, such as blending biomaterials, recovering them with other substances
or still covering them with protein residues recognized by cells, such as isoleucine-
lysine-valine-alanine-valine (IKVAV) residue, derived from Laminin [28,29].
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iii. Studying material tribology and surface topography [19]. For several tissues, such as
muscles and tendons, cell organization is paramount for optimal tissue function. The
heart, for instance, works as a pumping organ, and needs to contract in a specific,
synchronized way in order to actually eject blood into body and lungs. If muscle fibers
are not synchronized, no pumping force is generated, and great deficit of function is
witnessed by the patient [60]. Tendon is a specific connective tissue composed of
parallel collagen fibers. Along with the heart, tendon constitutes another of several
tissues which depend on specific cell organization for proper function. It has been
thoroughly described in literature that tendon strength is directly linked to cell
orientation, and, following injuries, the lack of orientation of scar tissue promotes
tendon weakness, leading to repetitive lesion [61]. Tissue engineering approaches for
tendon must promote cell alignment in order to achieve significant benefit for
patients. cell alignment has been shown to be achievable and effective in promoting
tissue organization and maturation [30], as shown in Figure 2.

iv. Optimizing biomaterial degradation rate. Tissue engineering has been envisioned to
promote tissue regeneration, therefore in this context, biomaterials should be
biodegradable. Ideally, biomaterial should gradually degrade, at the same rate as
neotissue is formed.

Figure 2. Cell orientation promotes major contractile strength of construct. In order to assess cell orientation impor‐
tance for construct function, Dr. Parker`s group engineered bidimensional cardiac muscles with different micropat‐
terned surfaces in order to promote degrees of cell orientation. Confluent unaligned isotropic (A), aligned anisotropic
(B) and non confluent, 20μm spaced, parallel arrays of myocardial fibers (C) were build and studied in vitro. The cited
work showed that contractile force increases with major sarcomere alignment, as measured by peak systolic stress in
kPa (D). This panel was based on [60] and was kindly provided by Dr. Kevin Kit Parker, from Harvard University.
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2. Cell seeding. Cell seeding is paramount for construct optimization, and must be carefully
planned. Usually, most cells have low capacity of invasion, therefore, cell seeding must
be  optimized to  promote  an  equal  distribution of  cells  along construct  surface  and
interior [62].

3. Construct maintenance in vitro. The maintenance of small constructs may be achievable in
static cultures, but when it comes to larger constructs, static culture is hindered by the
limitation of nutrient diffusion. Several strategies have been developed for large construct
maintenance in vitro, represented mainly by bioreactors, as depicted in Figure 3.

Figure 3. Importance of non-static cell seeding and culture for construct equal distribution of cell elements and viabili‐
ty of construct. As depicted, static culture seeding promotes cell accumulation in specific regions of the construct. As
no media is perfused through the construct, nutrient distribution along the biomaterial depends on diffusion only,
which leads to normoxic construct edges, colonized with cells and hypoxic center, which is not feasible to be colon‐
ized by cells. Nonstatic culture strategies, on the other hand, promote equal cell seeding and colonization of the con‐
struct, as it enhances nutrient diffusion. Even though nonstatic culture is not sufficient to promote viability of large
constructs, it increases maximum size of constructs and is more adequate for tissue engineering purposes.

4. Construct implant. The ultimate function of a construct built in vitro is to be implanted and
substitute/regenerate an injured organ or tissue. Construct implant must be performed in
order to promote construct integration and viability. Several techniques have already been
applied to promote construct long term viability, such as designing VEGF (vascular
endothelial growth factor) releasing constructs; previously implanting the construct in an
ectopic site, in order to promote in vivo vascularization, prior to implantation; and
reducing the size of implants, among others.
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In spite of its major advances, scaffold-based tissue engineering suffers from several
limitations, as explored by Mironov et al., 2009 [31], and further explained here:

1. Vascularization of thick tissue constructs

Cell survival requires continuous supply of nutrients and oxygen, as well as the removal of
metabolites, which, if accumulated, might be toxic. Such demand is addressed mainly by
osmosis, therefore, to facilitate nutrient and metabolite flow, cells must be kept near vessels
and capilars. Actually, few cells are able to survive at more than 200um distance from the
nearest blood vessel [8]. Cells cultured in tridimensional scaffolds also need to be maintained
in homeostasis in order to survive. In vitro, several strategies have been developed in order to
maintain construct viability prior to implantation, mainly through the development of
bioreactors, as reviewed by Rauh et. al. [10]. In vivo, however, none of those strategies are
applicable, and only through vascularization cells are kept alive, especially for modular
organs, such as heart, kidney and liver, which are organized in functioning units and require
their own vascular supply [9]. Studies indicate that vessels grow at a rate of <1mm a day [6],
and although the effectiveness of an enhanced angiogenic response using various growth
factors has been demonstrated in many tissue systems, the rate of angiogenesis hasn`t been
accelerated so far [7]. Considering the relatively large sizes of constructs for humans, it is clear
the urgent need to promote faster vascularization of tissue constructs, or to improve cell
survival in scaffolds.

Actually, several attempts of increasing tissue vascularization are underway.

As previously mentioned, increasing cell survival is also an interesting strategy. Actually,
recently, oxygen generating scaffolds have been developed and tested with encouraging
results, even though no in vivo tests were performed [7].

2. Precise placing of different multiple cell types inside 3D porous scaffolds is technologi‐
cally challenging.

Modular organs, such as the heart, liver, kidneys and others, are complex structures of several
types of cells, including stromal and parenchymal cells. They function as working units, such
as muscle fibers, liver lobules and kidney nephrons. Modular organs also count on intrinsic
vascular system for cell survival, constituting incredibly difficult organs to build in vitro, even
though many papers have shown a significant capacity of self-organization of several cells
[22,23,24]. For such organs, whole organ approaches are more suitable then partial
reconstitution of those structures.

On the other hand, non-modular organs have witnessed several successful strategies, such as
the construction of bladders [44] and the recellularization of tracheas [15], both of which have
already been translated to the clinic.

3. Achieving organo-specific level of cell density in tissue constructs remains a big challenge

Currently,  porous matrices are paramount to allow cell  invasion and colonization of the
matrix. Porous present in the matrices are usually optimized to have specific sizes and to
be  interconnected,  in  order  to  permit  cell  invasion.  The  size  of  the  produced porous  is
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usually large, though, and cells within the scaffold are not able to fully fill it and achieve
cell density similar to natural tissues. Therefore, it  is almost as if  cells were still  in two-
dimensional  surfaces  [31].  Actually,  extracellular  matrix  molecules  can  be  washed  out
from 3D porous scaffolds in the same way as in 2D cultures, and may not provide means
for real tridimensional tissue formation.

4. Recent reports on the effect of matrix rigidity on (stem) cell differentiation can undermine
the value of solid rigid biodegradable scaffolds at least for certain tissue applications
[35-37]

Stem cell differentiation has traditionally employed cocktails of various growth factors, but
recently, mechanobiological concepts have been described as important to cell fate decision.
The mechanism underlying cellular response to tension comprises the force generated by
myosin bundles sliding along actin filaments and transmission to the ECM. Transduction of
these signals link the extracellular and intracellular worlds, ultimately affected by proteins
such as Rho GTPases, which not only regulate contraction of stress fibers, but also regulate
gene expression by acting over their effector target proteins, [45].

Actually, matrix rigidity has been involved in embryonic development, as well as adult stem
cell differentiation. As expected, rigid surfaces facilitates adult stem cell differentiation into
bone, and soft surfaces lead to differentiation of adult stem cells into soft tissues, such as fat
or central nervous system (brain) [45].

5. Biodegradability of constructs

Even though it makes sense that biomaterials should be absorbed by the body in order to give
space to neotissue formation, the same is not true when whole tissue engineering is planned.
There is no use in spending efforts in order to build a construct, which will be invaded by
inflammatory cells and vessels and disorganized, previously to being substituted by neotissue.

Therefore,  even  though  current  tissue  engineering  techniques  are  fairly  successful  in
treating bone,  skin and cartilage loss,  they are extremely limited in treating large tissue
loss, as well as in regenerating complex tissues, such as heart annd kidneys, among sev‐
eral other tissues and organs.

3. Innovative tissue engineering approaches

3.1. Decellularized matrices

The Extracellular Matrix (ECM) represents the three-dimensional fibrilar protein scaffold,
produced by cells of each tissue and organ, which surrounds and anchors them. It is kept in a
state of dynamic reciprocity with those cells, in response to changes in the microenvironment.
ECM has been shown to provide cues that affect cell migration, proliferation, gene expression
and differentiation [32, 37].

The ECM is obviously the optimal support for tissue engineering, as it provides the perfect
chemical composition, surface topology and physical properties experienced by cells in vivo
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in their niche [32]. Even though sometimes that`s exactly what is needed to be avoided (e.g.
Central Nervous System ECM has been shown to contain molecules which inhibit axonal
growth and hinders tissue regeneration [33,34]), ECM has been considered a great option for
tissue engineering.

Recently, it has been shown that cell sensibility towards ECM chemical composition is higher
than previously expected. For instance, Tsai et al. showed that MG63, an osteoblast like cell
lineage, behaves differently when grown in collagen or gelatin electrospun matrices. When
grown in electrospun collagen, MG63 did not show variation on cell attachment or
proliferation rates. On the other hand, cells seeded on electrospun collagen showed increased
expression of osteogenic genes such as Osteopontin and alkaline phosphatase. Collagen and
gelatin present high chemical composition similarity, varying mainly in secondary and tertiary
structure. Such fact underscores the strikingly cell sensitivity to all aspects of ECM chemical
and physical composition [62]. It also underscores the potential of decellularized matrices on
tissue engineering.

Decellularized tissues have been used in regenerative medicine approaches since the early
eighties [38], specially focused on treating cardiovascular diseases by engineering vascular
grafts. Most of the grafts produced, derived from synthetic and natural sources suffered from
several limitations. When the issue of natural graft calcification and immunological recognition
were related to residual cellular components of unmodified biological materials, decellulari‐
zation techniques began to be developed [38,39].

Initially, decellularization was considered for tissue grafts. Developed techniques are con‐
tinuously  evolving,  as  every  cell  removal  agent  and  method  currently  available  alters
ECM composition and cause  some degree  of  ultrastructure  disruption.  Decellularization
agents  include  chemical,  biological  and  physical  agents,  each  of  them  with  different
mechanisms of action.

More specifically: acids and bases promote hydrolytic degradation of biomolecules; hypotonic
solutions lyses cells through osmosis with minimal changes in matrix molecules and tissue
architecture; hypertonic solutions dissociates DNA from proteins; ionic, non-ionic, and
zwitterionic detergents solubilize cell membranes leading to effective removal of cellular
material from tissue; solvents, such as alcohol and acetone, promote either cell lysis by
dehydration or solubilization and removal of lipids and biological agents, such as enzymes,
and chelating agents act through protein cleavage and disrupting cell adhesion to ECM.
Finally, physical agents promote cell lysis through freezing and thawing cycles, electropora‐
tion or pressure [32].

The most effective agents for decellularization of each tissue and organ will depend upon many
factors, including the tissue’s cellularity, density, lipid content, and thickness [32].

Lately, whole organ decellularization began to be performed, offering an interesting option
for modular organs such as the heart, lung and kidneys. In 2008, Ott et al. not only performed
whole heart decellularization, but also recellularized the organ with neonatal cardiomyocytes
and obtained organ function [17]. This groundbreaking work highlighted the possibilities of
decellularized matrix-based whole organ tissue engineering.
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The major breakthrough of organ decellularization is to obtain scaffolds with perfect (or very
similar) chemical composition and tridimensional structure, compared to natural organs. In
addition, the vascular bed is completely preserved, facilitating in vitro maintenance of the
construct via perfusion bioreactors, as well as in vivo viability of the construct, which may be
reconnected to the circulatory system of host, also shown by Ott et al [17]. As decellularization
is performed making use of vascular system of organs, virtually any vascularized organ may
be decellularized, disregarding its size, as depicted in Figure 4. Acellular organs, such as
tracheas, may also be decellularized through different protocols [15].

Figure 4. Decellularized pig heart. As published by Ott et al., perfusion decellularization is feasible in small rat organs,
but also in bigger size organs, such as the pig heart. Illustration owned by Miromatrix Medical Inc., available at http://
miromatrix.com/technology/perfusion-decellularization-recellularization/, accessed on September 2012.

3.2. Biomimetic scaffolds

As already mentioned, an optimal scaffold attempts to mimic the function of the natural
extracellular matrix [52]. The functionality of most tissues is related to their complex
architecture, therefore mimicking and recapitulating this complexity in vitro is paramount for
successful tissue engineering. In the in vivo condition, cells are surrounded by other cells and
by the extracellular matrix (ECM), whose components, such as collagen, elastin, and laminin,
are organized in nanostructures (i.e., fibers, triple helixes, etc) with specific bioactive motifs
that regulate cell homeostasis [42].

Following the initial concept of mimicking the ECM chemical composition, it has been shown
that the structure of the cell-surrounding niche is also paramount for optimal cell function. In
accordance, modulating the scaffold microarchitecture is one of the most potent ways of
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achieving biomimetic tissues. Advances in microfabrication technologies have been exploited
by an increasing number of research groups. Often technologies from other engineering
disciplines have been translated and used in creating microfeatures in engineered scaffolds in
a controlled manner. These include photolithographic approach of the electrical engineering,
electrospinning tools of the textile industry, emulsification and fluid dynamics principles of
chemical engineering and rapid prototyping methods of mechanical engineering. The latter
will be covered in further detail in the next section [40].

Vacanti and coworkers pioneered the concept of engineering a vasculature using photolitho‐
graphic techniques (which use light, e.g. UV, to selectively remove parts of a thin film or the
bulk of a substrate), literally generating channels within biomaterials [43].

Electrospining techniques have also been considered and tested for tissue engineering
application, due to their potential of producing polymer fibers with nano to micrometer
diameter scale that are physically and topographically comparable to the collagen fibers,
commonly found in the natural ECM, as shown in Figure 5. It has been extensively employed
in tissue engineering strategies, including vascularization strategies [41].

Figure 5. Similarity between ultrastructure of natural collagen fibers (A) and electrospun biomaterials (B). Source: A –
author`s unpublished data; B - http://en.wikipedia.org/wiki/Electrospinning, accessed on September 2012.

Electrospun biomaterials must also be carefully fabricated, as even fiber diameter variation
results in different cell behavior, as observed in endothelial cells cultured on electrospun
poly(l-lactide-co-ε-caprolactone) with different fiber diameters. In contrast to cells cultured on
fibers of 0.3 or 1.2μm, cells cultured on 7μm presented lower cell adhesion, spreading and
proliferation [63].

Even though electrospining has presented promising results, it also suffers from some
limitations, such as poor cell invasion, as usually the electrospun biomaterials are highly
compacted, impeding cell migration towards the inner side of the scaffold. The search for
different solvents and electrospining conditions may solve this issue, promoting less fiber
compactation.
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Still, as cited, many excellent constructs have been built using those techniques, and in
association with the other tissue engineering strategies presented in the present chapter,
strongly contribute to novel advances in the field.

Another exciting tissue engineering strategy, which have gained growing interest since the
nineties, has been the hydrogel approach. Hydrogels are 3D cross-linked insoluble,
hydrophilic networks of polymers that partially resemble the physical characteristics of native
ECM. The biocompatibility of various hydrogels (e.g., collagen, agarose and polyethylene
glycol) is well characterized, and the possibility of optimizing their physico-chemical and
mechanical properties to levels that are desirable for tissue scaffolds, in order to achieve cell
encapsulation, immobilization, and drug delivery turn hydrogels into an extremely promising
technique [64].

Hydrogels have been successfully used in mimicking ECM of simple tissues, composed of one
cell type. In many cases, hydrogels provide means for nutrient diffusion, facilitating cell
maintenance in vitro and in vivo. Still, maintaining the viability of high cell density constructs
remains a challenge as well as promoting cell organization within the scaffold. In many cases,
construct implantation near host rich vascularization sites may be an effective strategy to
promote construct viability in vivo.

In the cell`s point of view, hydrogels possess the advantage of completely surround
encapsulated cells, and providing tridimensional substrate for cell interaction. This strategy
prevents cell polarization which is common to regular scaffolds. Usually, as already stated,
even though most scaffolds may be tridimensional macroscopically, they are commonly seen
as bidimensional surfaces by cells.

As expected, truly tridimensional environments promote several effects over cultured cells.
Some of them include, but are not limited to: cell morphology/spreading [65], cell motility and
proliferation [66], and metabolic rate [67]. Obviously, all of those cell behaviors reflect
differential gene expression.

Even though cell gene expression is a paramount factor to be evaluated in tissue engineering,
it must be clearly noted that an exact gene expression profile is not essential for tissue
engineering effectiveness. Cells will always interact with their microenvironment. What is
important for tissue engineering is to maintain cell plasticity in a manner that, once in vivo,
implanted cells start to behave as host cells would.

Finally, a third highly modern and innovative approach for tissue engineering, which shares
the truly tridimensional environment for cells as provided by hydrogels, but which doesn`t
suffer from vascularization and cell organization limitations presented by the latter, is the
organ printing tissue engineering technique, which will be more thoroughly described in the
next section.

3.3. Organ printing

As listed before, the main limitations of the solid scaffold approach include the low level of
precision in cell placement, especially when engineering multicellular constructs, considering
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the intrinsic problem of vascularization of thick tissue constructs [53]. Ideally, a possible way
to solve many of those aforementioned problems would be to assemble cells and ECM elements
at the same time and in an organized way, in order to obtain the most similar structure found
in a functional organ as possible. Over the years, technology evolution turned tissue engineers
unreachable dream into a feasible objective to be fulfilled in the next years or decades. This
strategy is known as organ printing and/or robotic biofabrication, and offer interesting
alternatives to solid scaffold-based tissue engineering.

According to the First International Workshop on Bioprinting and Biopatterning, organ
printing was defined as “The use of material transfer processes for patterning and assembling
biologically relevant materials (molecules, cells, tissues, and biodegradable biomaterials) with
a prescribed organization to accomplish one or more biological functions” [45]. In fact, this
technology could be defined as computer-aided, layer-by-layer deposition of biologically
relevant materials [53].

The ultimate goal of organ-printing technology is to fabricate 3D vascularized functional living
human organs suitable for clinical implantation in reasonable time scales. Other applications
of this technology are in histogenesis and organogenesis, pharmacological tests and disease
research [45, 46, 47, 48].

Wilson and Boland (2003) showed protein and cell printing using a commercial ink-jet device
can be possible. In this technology, either individual cells or small clusters are printed over
ECM hydrogels, designed for involve printed cells and to provide them with desired signals.
Therefore, organ printing has derived from hydrogel classical approach, described in the
previous section. The method is rapid, versatile and cheap. Its disadvantage is that it is difficult
to assure high cell density needed for the fabrication of solid organ structures. Furthermore,
due to the high speed of cell deposition, considerable damage is caused to cells, although the
latest developments in the field have led to considerable improvement in cell survival [54,
55]. In the other approach, mechanical extruders are used to place ‘bio-ink’ particles,
multicellular aggregates of definite composition into a supporting environment, the ‘bio-
paper’, according to computer-generated templates consistent with the topology of the desired
biological structure. Organoids are formed by postprinting fusion of the bio-ink particles and
the sorting of cells within the bio-ink particles. The advantage of this technology is that the
bio-ink particles represent small 3D tissue fragments. Thus, cells in them are in a more
physiologically relevant arrangement, with adhesive contacts with their neighbors, which may
assure the transmission of vital molecular signals. Both inkjet and extruder bioprinting are
compatible with rapid prototyping [55].

In this biomanufacturing a precise layer-by-layer placement of self-assembled tissue spheroids
in sprayed tissue fusion permissive hydrogels is used to obtain an organ or tissue. The
hydrogels work as “biopapers” and cell blocks or tissue spheroids work as a “bioink”. Both
biopaper and bioink must be optimized in order to obtain viable tissues. For instance,
biopapers vary according to each “printed” organ, and cell spheroids vary in properties
according to their composition. Cell viability during and after printing is an obvious goal for
bioprinting [45]. Preliminary studies of both ink-jet and laser forward transfer indicated that
cells can survive deposition condition forces. Problems associated with ink-jet delivery of cell
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suspensions may also come about from the high shear stresses observed during ejection and
impact of a fluid drop [50, 51, 52].

In many cases, the bioprinting process requires that before and during printing, cells and
molecules must be carried in a fluid vehicle that shortly after printing requires consolidation
and should consequently behave as a viscoelastic solid. This phase change must occur without
damage to the biochemical, cells, or more complex units within the fluid, which presents a
considerable challenge. Concurrently, tissue printed mustn’t be too solid, or cell spheroids
won`t interact and form a continued tissue.

Organ printing is a technology that promises to transform tissue engineering into a
commercially successful biomedical industry. Unlike other tissue engineered approaches,
organ printing involves the high throughput generation of organs, relying on automated cell
sorters, cell and organ bioreactors and robotic bioprinters, most of them which are already
commercially available [46]. However, much research is necessary to turn this technology into
reality of clinical application.

4. Conclusion: Tissue engineering — From the bench to the bedside

It is known that any technology takes about 20 years to reach the market, and despite progress
in many fields, this timeframe has yet to shorten [20]. Accordingly, tissue engineering, which
has officially given its first steps during the late eighties, hasn`t brought many products to the
bedside [20].

In contrast to biomaterials - which are readily available as hip implants, contact lenses, silicon
breast prosthesis, among others –, and cell therapy – which is also available for bone marrow
transplants, as well as its first allogeneic stem cell therapy products [21] -, constructs have been
successfully produced for only few applications, largely limited to non-modular organs such
as skin epidermis, corneal epithelium and cartilage [40]. Indeed, Apligraf - a bilayered skin
substitute - was the first allogeneic cell based therapy to be approved by the US Food and Drug
Administration (FDA), receiving permission for sale as a treatment for venous leg ulcers13.

Apligraf is constructed by culturing human foreskin-derived neonatal fibroblasts in a bovine
type I collagen matrix over which human foreskin-derived neonatal epidermal keratinocytes
are then cultured and allowed to stratify [68]. Even though it is considered one of the first tissue
engineering products ever approved for commercialization, Apligraf doesn`t directly restore
skin, but transiently protects and provides injured skin with scaffold and signaling molecules
(produced by the cells within the construct) which fosters and accelerate skin regeneration.

Engineered bladders and airways have also been built and implanted in vivo, but as they
require highly customized and complex approaches, they are available to a small number of
patients, and are not considered products to be sold, such as Apligraf and other similar
products.

Therefore, it is clear that, in spite of recent advances, tissue engineering has much to deliver.
Innovative strategies, such as the presented in this chapter, present out of the box solutions
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for some of the present challenges in the field, and may one day constitute the major
breakthroughs to finally catalyze translating tissue engineering from bench to bedside.
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1. Introduction

Tissue engineering is an emerging interdisciplinary field that applies the principles of life
science and engineering to produce engineered tissues for the repair and replacement of
damaged tissues or organs [1]. In tissue engineering, tissue scaffolds play a crucial role. A
tissue scaffold is a three-dimensional (3D) structure made from biological materials and bio‐
materials, which is used to facilitate cell/tissue growth and the transport of nutrients and
wastes while degrading gradually itself. To fabricate such tissue scaffolds, a number of fab‐
rication techniques have been developed and reported in the literature and these techniques
can generally be classified into two categories: conventional and advanced. Conventional
techniques [2], including solvent-casting, particulate-leaching, and freeze drying, can build
scaffolds with interconnected porous structures. However, they offer little capacity to pre‐
cisely control pore size, pore geometry, pore interconnectivity, and spatial distribution of
pores or allow for the construction of internal channels within the scaffolds. Ideally, scaf‐
folds should not only provide a supporting structure but also the chemical, mechanical, and
biological signals required to respond to environmental stimuli. As an alternative to conven‐
tional scaffold fabrication methods, advanced fabrication techniques have recently been de‐
veloped in tissue engineering, such as electrospinning [3], a nanotechnology-based
fabrication technique, and rapid prototyping [4], a class of techniques by which a 3D scaf‐
fold is fabricated by laying down multiple, precisely formed layers in succession. With the
development of such advanced tissue engineering fabrication techniques, the new concept
of "biofabrication" has emerged. Biofabrication is defined as the production of complex liv‐
ing and non-living biological products from raw materials, such as living cells, molecules,
extracellular matrices, and biomaterials. It has the potential to be the manufacturing para‐
digm of the 21st century and makes a significant contribution to the development of tissue
engineering strategies [5].
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2. Overview of scaffold-fabrication techniques

2.1. Conventional fabrication techniques

Many techniques are available to process synthetic and natural biomaterials into various
scaffolds. These include conventional techniques, such as solvent-casting and particulate-
leaching [6], gas foaming [7], phase separation [8], melt molding [9], and freeze drying [10],
among others. An overview of these different techniques follows.

1. Solvent-casting and particulate-leaching (Figure 1a):

Solvent-casting and particulate-leaching techniques involve using a polymer solution uni‐
formly mixed with salt particles of a specific diameter. The solvent then evaporates leaving
behind a polymer matrix with salt particles embedded throughout. The composite is im‐
mersed in water, where the salt leaches out to produce a porous structure [11]. Highly po‐
rous scaffolds with porosity values up to 93% and average pore diameters up to 500 μm can
be formed using this technique. A disadvantage of this technique is that it can only be used
to produce thin membranes up to 3 mm thick [12].

2. Gas foaming (Figure 1b):

During the gas foaming process, molded biodegradable polymers are pressurized at high
pressures with gas-foaming agents, such as CO2 and nitrogen [13], water [14], or fluoroform
[15], until the polymers are saturated. This results in nucleation and growth of gas bubbles
with sizes ranging between 100 and 500 μm in the polymer. This technique has the advant‐
age of being an organic solvent-free process; the major drawback is that the process may
yield a structure with largely unconnected pores and a non-porous external surface [16].

3. Phase separation (Figure 1c):

During the phase separation process, a polymer solution is quenched and undergoes a liq‐
uid-liquid phase separation to form two phases; a polymer-rich phase and a polymer-poor
phase. The polymer-rich phase solidifies and the polymer poor phase is removed, leaving a
highly porous polymer network [17]. The micro- and macro-structure of the resulting scaf‐
folds are controlled by varying process parameters such as polymer concentration, quench‐
ing temperature, and quenching rate. The process is conducted at low temperatures, which
is beneficial for the incorporation of bioactive molecules in the structure. Using phase sepa‐
ration techniques, nano-scale fibrous structure enables to be formed, which mimics natural
extracellular matrix architecture and provides a better environment for cell attachment and
function [18].

4. Melt molding (Figure 1d):

Melt molding involves filling a mold with polymer powder and a porogen component and
then heating to above the glass-transition temperature of the polymer while applying pres‐
sure to the mixture [19]. During the fabrication process, the raw materials will bind together
to form a scaffold with designed specified external shape. Once the mold is removed, the
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porogen is leached out and the porous scaffold is then dried. Melt-molding with porogen-
leaching is a non-solvent fabrication process that allows independent control of morphology
and shape. Drawbacks include the possibility of residual porogen and high processing tem‐
peratures that preclude the ability to incorporate bioactive molecules.

5. Freeze drying (Figure 1e):

Polymeric porous scaffolds can be prepared by freeze drying. In the freezing stage, the poly‐
mer solution is cooled down to a certain temperature at which all materials are in a frozen state
and the solvent forms ice crystals, forcing the polymer molecules to aggregate into the intersti‐
tial spaces. In the second phase, the solvent is removed by applying a pressure lower than the
equilibrium vapor pressure of the frozen solvent. When the solvent is completely sublimated, a
dry polymer scaffold with an interconnected porous microstructure remains [20, 21]. The po‐
rosity of the scaffolds depends on the concentration of the polymer solution; pore size distribu‐
tion is affected by the freezing temperatures. Apart from fabricating porous scaffolds, this
technique is also used to dry biological samples to protect their bioactivities [22].

Figure 1. Schematic of conventional scaffold fabrication techniques: (a) solvent-casting and particulate-leaching proc‐
ess: A polymer solution is cast into a mold filled with porogen particles, then the solvent is allowed to evaporate and
the porogen is leached out; (b) gas foaming process: Polymer samples are exposed to high pressure allowing satura‐
tion of the gas into the polymer; the subsequent gas pressure reduction causes the nucleation of bubbles; (c) phase
separation process: A thermodynamical instability is established in a homogeneous polymer solution that separates
into a polymer-rich and a polymer-poor phase; (d) melt molding process. A mold filled with polymer powder and po‐
rogen component is heated to above the polymer glass-transition temperature (Tg) and a pressure (P) is applied to the
mixture. The porogen is then leached out, leaving a porous structure; (e) freeze drying process: A polymer solution is
cooled down, leading to the formation of solvent ice crystals. Then the solvent is removed by using a pressure lower
than the equilibrium vapor pressure of the solvent (P° solution), leaving a porous structure. (Modified from [23])

2.2. Advanced biofabrication techniques

1. Electrospinning

Electrospinning is a fabrication technique utilizing electrical charges to draw fine fibers up
to the nanometer scale. The technique was invented by Cooley and Morton in 1902. The fi‐
ber electrospinning can also be traced back to the 1930s [24]. In the past decade, significant
developments in electrospinning have allowed for creation of scaffolds with different mate‐
rials and, hence, this technique has gained a high popularity in tissue engineering research.
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Nanofibrous architectures are known to modulate effects on a wide variety of cell behaviors.
Nanofibrous architectures can positively affect cell binding and spreading compared to mi‐
cropore and microfibrous architectures (Figure 2). Nanofibrous scaffold architectures have
larger surface areas to adsorb proteins than micro-architectures, presenting more binding
sites to cell membrane receptors [25]. The exposure of additional cryptic binding sites may
also be affected by adsorbed proteins. Furthermore, cells growing in a 3D nanofibrous struc‐
tural environment are able to exchange nutrients and utilize receptors throughout their sur‐
face, while cells in flat culture conditions are limited to nutrient exchange on only one side.
Electrospinning techniques have been widely employed to fabricate porous scaffolds with
nanofibrous architectures that can mimic the structure and biological functions of the natu‐
ral extracellular matrix [26]. This technique is able to generate fibers with diameters ranging
from 2 nm to several micrometers using solutions of both natural and synthetic polymers,
with small pore sizes and high surface area to volume ratios. A typical electrospinning setup
includes three parts: a syringe pump containing the polymeric materials, a high voltage
source to generate high electric field for spinning, and a collector to collect the fibers [27]
(Figure 3). During scaffold fabrication, the following electrospinning parameters are very
important with respect to the fiber morphology: polymer solution parameters (viscosity,
molecular weight of polymer, polymer conductivity, surface tension), processing parameters
(applied voltage, distance between tip and collector, flow rate), and environment parame‐
ters (humidity, temperature). Nanofibers with high surface area to volume ratios are most
suitable for tissue engineering applications [28].

Figure 2. Scaffold architecture affects cell binding and spreading. (Modified from [25])
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Figure 3. Schematic of electrospinning apparatus. (Modified from [29])

2. Rapid prototyping

As an alternative to conventional scaffold fabrication methods, a group of techniques based
on rapid prototyping (RP) has recently been introduced within the tissue engineering field.
RP techniques, based on computer assisted design (CAD) and manufacturing (CAM) techni‐
ques, allow for better control of scaffold internal microstructure and external macroshape
compared to conventional fabrication techniques [4, 30]. Three basic RP system types: liq‐
uid-based, solid-based, and powder-based can be selected based on the properties of differ‐
ent scaffold biomaterials. The primary RP processes applied to tissue scaffold fabrication
include stereolithography (SLA) [31], selective laser sintering (SLS) [32], fused deposition
modeling (FDM) [33], three dimensional (3D) printing [34], and 3D plotting [35]. The choice
of materials for the RP techniques includes various polymers, ceramics, and metals. Recent‐
ly, RP techniques have also demonstrated their capacity for embedding living cells [36, 37]
and growth factors [38] into scaffolds during the fabrication process and thus their utility for
creating biomimetic tissue scaffolds.
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Technology Types Materials Advantages Disadvantages

Tissue

Engineering

Applications

SLA Liquid-based Polymers,

wax or wax

compounds

Good mechanical

strength;

easy to remove support

materials;

easy to achieve small

features

Limited to reactive

resins (mostly toxic)

Bone [39],

Heart valves

[40].

SLS Powder-based Metals,

ceramics,

bulk

polymers

Good mechanical

strength; high accuracy;

broad range of materials

Elevated

temperatures; local

high energy input;

uncontrolled porosity

Bone [41, 42],

Cartilage [43].

FDM Solid-based Some

thermoplastic

polymers/

ceramics

Low costs;

good mechanical

strength;

versatile in lay-down

pattern design

Elevated

temperatures;

small range of bulk

materials

Bone [44],

Adipose [45],

Cartilage [46].

3D printing Powder-based powder of

bulk

polymers;

ceramics

Fast processing;

low costs;

no toxic components;

water used as binder

Material must be in

powder form;

weak bonding

between powder

particles;

rough surface;

trapped powder issue;

might require post-

processing

Bone [47],

3D plotting Liquid-based or

solid-based

Swollen

polymers

(hydrogels);

thermoplastic

polymers;

reactive

resins;

ceramics

Broad range of materials

and conditions;

incorporation of cells and

proteins

Slow processing;

no standard

condition;

time consuming

adjustment to new

materials;

low mechanical

strength

Bone [48],

Cartilage [49].

Table 1. RP techniques for tissue engineering
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3. Applications of biofabrication to tissue engineering

3.1. Biofabrication and architectural design of scaffolds

The  microstructure  of  scaffolds  is  increasingly  believed  to  contribute  significantly  to
the diffusion of  nutrients  and metabolic  wastes,  spatial  organization of  cell  growth and
the development of  specific  biological  functions in  tissues.  A scaffold with high porosi‐
ty  is  desirable  for  the  easy  diffusion  of  nutrients  and  metabolic  wastes  and  is  also
beneficial  for  cell  migration and neo-vascularization.  A high surface  area  to  volume ra‐
tio  favors  cell  attachment  and growth.  The  effect  of  scaffold  pore  size  on  tissue  regen‐
eration  is  also  emphasized  by  experiments  demonstrating  that  (1)  an  optimum  pore
size  of  5  μm is  good for  neo-vascularization;  (2)  5  -  15  μm pores  are  beneficial  for  fi‐
berblast  ingrowth;  (3)  20 -  125 μm pores can affect  the regeneration of  adult  mammali‐
an  skin;  and  (4)  fibrovascular  tissues  require  pores  sizes  greater  than  500  μm [38,  50].
Advanced  biofabrication  techniques  are  able  to  design  and  precisely  control  the  archi‐
tecture of  scaffolds.  They can build scaffolds with reproducible  morphology and micro‐
structure  that  varies  across  the  scaffold  matrix  to  resemble  natural  tissues  with
complex hierarchical  structures.

Conventional  lyophilization  can  only  form  porous  structures  with  random  orientation.
An improved technique  for  fabricating  scaffolds  with  a  linearly  oriented architecture  is
called  "freeze  casting".  Freeze  casting  facilitates  directional  solidification  of  solutions  or
slurries  [51].  During  freeze  casting,  the  polymer  solution  is  pipetted  into  a  cylindrical
mold  fitted  with  a  copper  bottom  plate  and  secured  onto  the  temperature-controlled
copper  cold  finger  of  the  freeze  casting  system.  The  cold  finger  temperature  is  low‐
ered at  a  constant  cooling rate  to  a  final  temperature,  resulting in the directional  solid‐
ification  of  the  material  dispersion.  When  the  ice  is  sublimated  by  freeze  drying,  the
porous  microstructure  of  the  resulting  scaffold  is  a  negative  template  of  the  ice  crys‐
tals.  Freeze  casting  has  been  used  to  produce  a  wide  range  of  porous,  oriented  scaf‐
folds  from  organic  and  inorganic  materials  [51,  52].  This  technique  is  also  suitable  for
the  fabrication  of  nerve  conduit  scaffolds  with  a  featured  porous  structure  that  may
guide axon growth.

Different scaffold fabrication techniques can be combined to capitalize on their respective
positive features for varying applications. The combination of rapid prototyping with lyo‐
philization, in which the polymer solution is dispensed on substrates with a controllable
temperature and the strands formed are frozen and lyophilized to remove the solvent, is
called "rapid freeze prototyping" technique [53]. This technique has the advantage of fabri‐
cating scaffolds with both sub-millimeter and micrometer sized pores [54] (Figure 4). The
optimized porous scaffolds can accommodate tissue ingrowth at different scales, from cells
to tissues. Scaffolds can also be cold processed so that the polymer can be bio-functionalized
without compromising their function during manufacturing.
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Figure 4. Scaffold fabricated by rapid freeze prototyping: (a) camera image of the scaffold, (b) pore size distribution of
the scaffold, (c) wall thickness distribution of the scaffold, and (d) 3D reconstructed model of the scaffold using micro-
tomography. (Modified from [54])

3.2. Biofabrication and scaffolds with living cells

Biofabrication of living structures with desired functionality has become a hot topic in tissue en‐
gineering in past few years. Conventional cell-seeding methods are inadequate for the develop‐
ment of in vitro  tissue-test systems because they involve random placement of cells and,
therefore, lack the precision necessary for spatial control. Conventional cell-seeding methods
are also a type of 2D cell culture. In contrast, cell cultures in 3D structures allow for a more natu‐
ral cell attachment and focal adhesion in all directions. The most physiologically relevant cell
morphology that can be attained on and in three-dimensional scaffolds will provide the best
structural cues to regulate cell function [55, 56]. Different methods of fabricating 3D scaffolds
with living cells have been developed. One of the methods is to spray living cells into the scaf‐
folds throughout the electrospinning process to produce nanofibrous 3D tissue scaffolds. In this
method, cells are periodically sprayed from a pump-action spray bottle onto the developing
scaffold during the electrospinning process [56]. The cells can be layered throughout the thick‐
ness of the scaffolds, but not incorporated into individual polymer nanofibers.

Living cells also can be directly electrospun, as fine composite threads encapsulating living
cells, using a coaxial needle configuration and a biocompatible polymer [57, 58]. The poly‐
mer nanofibers accommodate the survival and proliferation of the cells. Advanced rapid
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ral cell attachment and focal adhesion in all directions. The most physiologically relevant cell
morphology that can be attained on and in three-dimensional scaffolds will provide the best
structural cues to regulate cell function [55, 56]. Different methods of fabricating 3D scaffolds
with living cells have been developed. One of the methods is to spray living cells into the scaf‐
folds throughout the electrospinning process to produce nanofibrous 3D tissue scaffolds. In this
method, cells are periodically sprayed from a pump-action spray bottle onto the developing
scaffold during the electrospinning process [56]. The cells can be layered throughout the thick‐
ness of the scaffolds, but not incorporated into individual polymer nanofibers.

Living cells also can be directly electrospun, as fine composite threads encapsulating living
cells, using a coaxial needle configuration and a biocompatible polymer [57, 58]. The poly‐
mer nanofibers accommodate the survival and proliferation of the cells. Advanced rapid
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prototyping techniques, such as bioprinting, are more capable of incorporating living cells
into scaffolds than other techniques. Introducing cells at almost any arbitrary density and
precisely into the desired location of a scaffold is possible by means of rapid prototyping.
Hydrogel scaffolds, as delivery vehicles for cells, are suitable for bioprinting processes that
seed living cells while constructing scaffolds with specific geometries [36]. A pneumatic dis‐
penser system is used to bioprint the cell-associated scaffolds using polymer solution, such
as alginate aqueous solutions. The fabrication parameters including pressure and nozzle ve‐
locity can be altered, thus affecting the viability of the cells [59]. Complete biological "scaf‐
fold free" tissue substitutes can also be engineered with specific compositions and shapes,
by exploiting cell-cell adhesion and the ability of cultured cells to grow their own ECM;
such approaches have the advantage of reducing and mediating inflammatory responses to
biomaterials [60]. For this concept, extrusion-based bioprinting is an automated deposition
method that can generate a fully biological construct which is structurally and functionally
close to native tissues. Spherical or cylindrical multicellular units (the bio-ink) are delivered
according to a computer-generated template with the hydrogel (the bio-paper) serving as
the support material. The cells neither invade nor rearrange within the hydrogel, which
keeps its integrity during post-printing fusion and can be easily removed to free the fused
multicellular construct (Figure 5). The authentic tissues can be assembled through cell adhe‐
sion, cell sorting, and tissue fusion processes [37].

Figure 5. Scaffold-free bioprinting technology: (a) the bio-printer: 3D printing is achieved by means of a three-axis
positioning system (stage in y and printing heads along x and z (top: Neatco, Carlisle, Canada; bottom: Organovo-In‐
vetech, San Diego)); (b) spheroids with living cells are delivered one by one into the hydrogel bio-paper according to a
computer script; (c) layer-by-layer deposition of cylindrical units of bio-paper (shown in blue) and multicellular cylindri‐
cal building blocks. The outcome of printing (spheroids in panel (b), multicellular cylinders in panel (c)) is a set of dis‐
crete units, which post-printing fuse to form a continuous structure. (Modified from [60])
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4. Summary

Engineered scaffolds are playing an increasingly important role in tissue engineering. Scaf‐
folds should not only have porous structures and provide mechanical support to new tissue
regrowth but also have a complex mimetic hierarchical structure and biological features.
Conventional scaffold fabrication techniques fail to meet these requirements for tissue re‐
generation. Biofabrication technologies have demonstrated potentials in this regard and can
be used to create regenerative tissues or organs through the combination of state of the art
fabrication techniques, materials science, and cell biology.
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1. Introduction

Skeletal muscle injuries are common in humans, particularly in athletes and it is important
to develop new methods to improve muscle regeneration. Skeletal muscle has good regener‐
ative ability, but the extent of muscle injury might prevent complete regeneration, especially
in terms of functional recovery. Severe lesions, like those originated by trauma associated
with loss of healthy muscular tissue and development of fibrous tissue scar and irreversible
muscular atrophy after long-term peripheral nervous injuries are examples of those situa‐
tions where regeneration is limited. An alternative approach for the restoration of the dam‐
aged skeletal muscular tissue, considered to be an ultimate treatment of some traumatic or
degenerative diseases, is the transplantation of stem cells that limit the fibrosis and the atro‐
phy of the involved muscle masses, and even imply the myocytes regeneration and local re‐
vascularization [1]. Stem cells and regenerative medicine is a fast emerging field with rapid
strides of progress and focus on human health. Successful clinical use of stem cells in regen‐
erative medicine depends on 3 important features:

i. stem cells can grow and divide indefinitely,

ii. stem cells can differentiate into specialized cell types, like skeletal muscle; and

iii. the stem cells can be delivered to the site of lesion associated to biomaterials, nowa‐
days available with excellent characteristics concerning biocompatibility.

© 2013 Pereira et al.; licensee InTech. This is an open access article distributed under the terms of the Creative
Commons Attribution License (http://creativecommons.org/licenses/by/3.0), which permits unrestricted use,
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The purpose of this review is to describe the current research lines in the skeletal muscle re‐
generation field, with special emphasis to the work performed by our research group in test‐
ing different biomaterials and cellular therapies, emphasizing the use of mesenchymal stem
cells (MSCs) isolated from the Wharton’s jelly of the umbilical cord. We also focused our re‐
search in developing skeletal muscular lesion models which could be reproducible. It is im‐
portant to state, that a multidisciplinary team has a crucial role in the development of these
biomaterials associated to cellular systems, and in pre-clinical tests. MSCs comprise a rare
population of multipotent progenitor cells with a great therapeutic potential since they are
capable of self-renewal and multi-lineage differentiation. Due to this ability, MSCs appear to
be an attractive tool in the context of Tissue Engineering and cell-based therapy concerning
skeletal muscle regeneration. Several biomaterials associated to MSCs from the Wharton’s
jelly of the umbilical cord have been tested in standard lesions of the rat muscle and the re‐
sults of these tests will be discussed here. The umbilical cord matrix is an important and safe
source of MSCs with positive effects in nerve and skeletal muscle regeneration, with no ethi‐
cal or technical issues.

2. Skeletal muscle tissue

2.1. Basic structure and terminology

The muscle fibers are the basic contractile units of skeletal muscles. They are individually
surrounded by a connective tissue layer and grouped into bundles to form a skeletal muscle
[1]. Each muscle is surrounded by a layer of dense connective tissue - the epimysium -
which is continuous with the tendon. The muscle is composed of numerous bundles of mus‐
cle fibers – fascicles - which are separated from each other by another connective tissue layer
named perimysium. The endomysium is the connective tissue that separates individual
muscle fibers from each other. Mature muscle cells are termed muscle fibers or myofibers.
Each myofiber is a multinucleate syncytium formed by fusion of immature muscle cells
termed myoblasts. In the cytoplasm of each myofiber – the sarcoplasm - lays the contractile
apparatus of the cell which is composed of sarcomeres arranged in series to form myofibrils,
which give myofibers their striated appearance. The sarcomeres contain a number of pro‐
teins, including alpha-actinin — which is the major constituent of the Z band — and actin
and myosin, which are the major components of the thin and thick filaments, respectively.
The sarcoplasm, located between the myofibrils, is called the intermyofibrillar network and
contains the mitochondria, lipid, glycogen, T-tubules, and sarcoplasmic reticulum [1-3].
Skeletal muscles are highly vascularized to provide essential nutrients for muscle function.
As the myofiber matures, it is contacted by a single motoneuron and expresses characteristic
molecules for contractile function, principally different myosin heavy chain isoforms and
metabolic enzymes. Both the motoneuron and the myoblast origin have been implicated to
play a role in specifying the myofiber contractile properties, although the precise mecha‐
nisms remain to be defined [1].
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2.1.1. Fiber type

Individual adult skeletal muscles are composed of a mixture of myofibers with different
physiological properties, ranging from a slow-contracting/fatigue-resistant type to a fast-
contracting/non-fatigue-resistant type. The proportion of each fiber type within a muscle de‐
termines its overall contractile properties [1]. The slow contracting soleus muscle is rich in
myofibers expressing the slow type I myosin heavy chain isoform, whereas the fast contract‐
ing plantaris muscle is devoid of slow type I myofibers [1-3]. The most informative methods
to delineate muscle fiber types are based on specific myosin profiles, specially the myosin
heavy chain (MHC) isoform complement. According to the major MHC isoforms found in
adult mammalian skeletal muscles, the following pure fiber types exist: slow type I with
MHCIb, and three fast types, namely type IIA with MHCIIa, type IID with MHCIId and
type IIB with MHCIIb [4]. Despite having different physiological properties, the basic mech‐
anism of muscle contraction is similar in all myofiber types and is the result of a “sliding
mechanism” of the myosin-rich thick filament over the actin-rich thin filament after neuro‐
nal activation [5]. The connective tissue framework in skeletal muscle combines the contrac‐
tile myofibers into a functional unit, in which the contraction of myofibers is transformed
into movement via myotendinous junctions at their ends, where myofibers attach to the
skeleton by tendons. Thus the functional properties of skeletal muscle depend on the main‐
tenance of a complex framework of myofibers, motor neurons, blood vessels, and extracellu‐
lar connective tissue matrix [1].

2.2. Regeneration of the skeletal muscle

Regeneration is a unique adaptation of skeletal muscle that occurs in response to injury.
Following direct trauma or disease, the regeneration of skeletal muscle results in restora‐
tion, to some degree, of the original structure and function of the muscle tissue [6]. Skeletal
muscle regeneration is a physiological response of the tissue to traumatic or pathological
injuries and its progress depends on the type of damaged muscle and the extent of the injury.
Under normal conditions, the regenerated muscle is morphologically and functionally indis‐
tinguishable from undamaged muscle [1]. Regeneration resembles the process of formation of
skeletal  muscle  during embryogenesis.  Skeletal  myogenesis  begins in the somites  where
multipotencial mesodermal cells commit to the myogenic lineage. These mononucleated my‐
oblasts then fuse and form multinucleated cells (myotubes) that ultimately develop into mature
myofibers [1, 7]. During the course of muscle development, a distinct subpopulation of myo‐
blasts fails to differentiate and remains associated with the surface of the developing myofib‐
er as quiescent muscle satellite cells (SCs) in fully developed mature skeletal tissue [1, 7].

2.2.1. Satellite Cells and other cells involved in regeneration of skeletal muscle tissue

During regeneration and muscle repair, SCs fuse together or to the existing fibers to form
new muscle fibers [8]. Although the number of SCs is greatly reduced in aged muscle, those
remaining maintain an intrinsic capacity to regenerate the muscle tissue as efficiently as in
younger muscles. A vital condition for successful regeneration is the presence of SCs in the
uninjured portions of the basal membrane of the myofiber, along with its ability for reinner‐
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vation and revascularization. After a skeletal muscle injury, myofibers become completely
desintegrated via myolysis and the SCs are realeased from the basal membrane. From this
point SCs start to divide and are capable of differentiating into muscle fibers, reestablishing
myofiber’s architecture and restoring the muscle function [9, 10]. In post-natal skeletal mus‐
cle, PW1 expression is detected in SCs and a subset of interstitial cells and is markedly up-
regulated during muscle regeneration [11]. These interstitial multipotent stem cells are
extralaminal and exhibit fibroblastic morphology but do not express the same myogenic
markers such as Pax7 [10]. PW1+/Pax7– interstitial cells (PICs) are myogenic in vitro and effi‐
ciently contribute to skeletal muscle regeneration in vivo as well as generating satellite cells
and PICs. PICs show bipotential behavior in vitro, generating both smooth and skeletal mus‐
cle. Isolated PICs do not express Pax7 or MyoD, but they convert to a Pax7+/MyoD+ state be‐
fore forming skeletal muscle in vitro. PICs are not derived from a Pax3-expressing parental
cell and thus do not share a satellite cell lineage; however, PICs do express Pax3 upon con‐
version to skeletal muscle. PICs are a key cell population that cannot be recruited into the
skeletal muscle lineage in the absence of Pax7 function and is likely to contribute to the Pax7
muscle phenotype during postnatal growth. PICs are as abundant as SCs in muscle tissue
and correspond to the only population of PW1+/Pax7– cells in vivo, requiring Pax7 for their
myogenic capacity [11]. PDGFRα+ mesenchymal progenitor cells located in the muscle inter‐
stitium were also identified as being distinct from SCs. Of the muscle-derived cell popula‐
tions, only PDGFRα+ cells show efficient adipogenic differentiation both in vitro and in vivo,
being strongly inhibited by the presence of satellite cell-derived myofibres. These results
suggest that PDGFRα+ mesenchymal progenitors are the major contributor to ectopic fat cell
formation in skeletal muscle that is more conspicuous in perimysium and particularly in
perivascular space. The balance between satellite cell-dependent myogenesis and PDGFRα+
cell-dependent adipogenesis, rather than multipotency of satellite cells, has a considerable
impact on muscle homeostasis [12]. Hematopoietic and dendritic cells are also present in the
perimysium of the skeletal tissue, as well as some lymphocytes and macrophages [10].

2.2.2. Myogenic differentiation

Cells derived from Pax3-expressing cells are myofibres and SCs [11]. Once activated, SCs ex‐
press factors involved in the specification of the myogenic program, such as Pax-7, desmin,
MNFα, Myf5, MRF4 and MyoD. Activated SCs enter the cell cycle and proliferate as indicat‐
ed by the expression of factors involved in cell cycle progression, such as PCNA and by the
incorporation of BrDU. Recently, miRNAs have also been reported to regulate gene expres‐
sion in skeletal muscle. Upon activation, SCs generate fusion-competent myoblasts and can
self-renew at least to a limited extent. Any interruption in the proliferation or fusion of myo‐
blasts, or any alterations in the extracellular matrix leads to the development of fibrosis,
compromising the establishment of the correct muscular function [8, 10]. Proliferative MyoD
and/or Myf5 positive myogenic cells are termed myoblasts. Both SCs and myoblasts increase
their cytoplasmic-nuclear ratio and can migrate along myofibers. Proliferating myoblasts
withdraw from the cell cycle to become terminally differentiated myocytes that express the
“late” myogenic regulatory factors (MRFs), Myogenin and MRF4, and subsequently muscle-
specific genes such as MHC and muscle creatine kinase (CKM), and stopping Pax7 expres‐
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sion. Myogenic subpopulations have also been identified by their enriched M-cadherin and
CD34 expression. M-cadherin can be considered to be a reliable marker for both quiescent
and activated SCs. Once fusion of myogenic cells is completed, newly formed myofibers in‐
crease in size and myonuclei move to the periphery of the muscle fiber [1, 10, 13].

2.2.3. Degeneration

This scenario changes dramatically when the muscle is damaged, in which muscle degener‐
ation after acute injury is characterized by myofiber necrosis and is followed by inflamma‐
tion, tissue reconstruction and remodeling [10]. The necrosis is triggered by disruption of
the myofiber sarcolemma resulting in increased myofiber permeability. The disruption of
myofiber integrity is reflected by increased serum levels of muscle proteins, such as CK
(usually restricted to the myofiber cytosol) [1]. It has been hypothesized that increased Ca2+

influx after sarcolemmal or sarcoplasmic reticulum damage results in a loss of Ca2+ homeo‐
stasis and increased Ca2+-dependent proteolysis that drives tissue degeneration resulting in
focal or total autolysis depending on the extent of the injury [1].

2.2.4. Inflammation

The early regenerative response in skeletal muscle is similar to that in other tissues and requires
the coordinated regulation of inflammation, extracellular matrix remodeling, and myofiber
growth [14]. The early phase of muscle injury is usually accompanied by the activation of
mononucleated cells, mainly inflammatory cells and myogenic cells. Factors released by the
injured muscle activate inflammatory cells residing within the muscle, which in turn pro‐
vide the chemotactic signals to circulating immune cells. Neutrophils are the first immune
cells to invade the injured muscle,  with a significant increase in their number being ob‐
served as early as 1–6h after myotoxin or exercise-induced muscle damage. After neutrophil
infiltration and 48h post-injury, macrophages become the predominant inflammatory cell type
within the site of injury. Macrophages infiltrate the injured site and through phagocytosis
remove cellular debris and may affect other aspects of muscle regeneration by activating
myogenic cells [1]. Testosterone has a documented ability to modulate the activity of im‐
mune, fibroblast, and myogenic precursor cells, which are all components of regeneration [14].

3. Skeletal muscle injury models

In order to study the process of muscle regeneration in a controlled and reproducible way, it
was necessary to develop experimental models of muscle injury [1]. In this sense, a variety
of experimental models that compromise skeletal muscle function or destroy this tissue is
available. Each of the injury models can potentially have a different effect on the fate of resi‐
dent cells and circulating cells within the muscle bed after the trauma [10]. A large number
of studies, involving a variety of experimental injuries, such as injection of myotoxic agents,
crush, ischemia, denervation and muscular dystrophies, demonstrate the unique ability of
skeletal muscle for regeneration, irrespectively the precise method used to induce the initial
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injury [15]. In this review we will focus on chemical and mechanical models of skeletal mus‐
cle injury, adding a new model of muscle injury based on surgical myectomy, developed in
order to mimic severe losses of skeletal muscle mass. Other models, like exercise and dener‐
vation, will also be outlined. The latter is not a model of injury but else of skeletal muscle
disuse but that also can be used to investigate skeletal muscle remodeling. There is a variety
of other genetic models that are essential in studying diseases like Duchenne muscle dystro‐
phy (Mdx mouse is currently the most widely used in this case) but will not be discussed in
this review.

3.1. Chemical methods of skeletal muscle injury

The use of myotoxins, such as bupivacaine (Marcaine), cardiotoxin (CTX), and notexin
(NTX) is perhaps the easiest and most reproducible way to induce muscle injury and regen‐
eration. Myotoxins are also widely used to induce skeletal muscle injury because their inoc‐
ulation by intramuscular injection does not require complex surgery. Several chemical
agents are known to produce skeletal muscle damage. Severe muscle fiber damage, like
breakdown of sarcolemma and myofibrils, has been described after intramuscular injections
of 0.75% bupivacaine, 2% mepivacaine, or 2% lidocaine associated to epinephrine [18].
While lidocaine can cause rapid destruction of skeletal muscle fibers, long-acting anesthet‐
ics, like bupivacaine, are more often used to cause skeletal muscle injury in rodents [19].

3.1.1. Bupivacaine

The bupivacaine injection procedure is simple and quick, does not involve extensive sur‐
gery, and induces a regeneration process which is qualitatively similar to that observed in
other model systems. Doses of 1.5 and 1% wt/vol produce significant levels of muscle injury
and subsequent regeneration, but these doses also produce large regions of ischemic muscle
tissue. Doses of 0.75 and 0.5% bupivacaine are also effective in inducing regeneration and
produce little or no ischemia [16]. Muscle fiber necrosis is extremely rapid after induced bu‐
pivacaine injury [14]. Injection of the drug into small skeletal muscles of rat or mouse leads
to immediate and massive myonecrosis followed by phagocytosis of necrotic debris and a
rapid and apparently complete regeneration of muscle fibers 3-4 wk after injection. The peak
isometric twitch and tetanic tensions produced by rat fast-twitch extensor digitorum longus
muscle injected with bupivacaine returns to normal values by 21 d after injection [17]. Mor‐
phological analysis has shown that many indexes of successful regeneration in healthy mus‐
cle can be completed within 2–3 weeks of recovery from injury [14]. The sequence of fiber
breakdown induced by bupivacaine is similar to that of progressive muscular dystrophy
[18] and it is also striking that the same types of muscle fibers are spared by both Duch‐
enne’s muscular dystrophy and bupivacaine toxicity. It has been suggested that bupivacaine
may disrupt Ca2+ homeostasis in vivo, triggering Ca2+-activated cellular death pathways that
include proteolysis. This suggestion is supported by the findings that

i. bupivacaine affects sarcoplasmic reticulum function in vitro,
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ii. extracellular Ca2+ omission delays the morphological changes and decreases the
protein degradation rate that are observed in isolated rat soleus muscle exposed to
bupivacaine, and

iii. bupivacaine uncouples isolated rat liver and heart mitochondria and decreases mi‐
tochondrial membrane potential and oxygen consumption both in cultured fibro‐
blasts and Ehrlich tumor cells [19].

Extracellular Ca2+ plays a part in mediating the muscle damage caused by bupivacaine but
other factors must also be involved [20]. For example macrophage invasion is necessary for
complete degeneration of myofibrillar components [21]. Saito and Nonaka [22] injected
0,5ml of 0,5% bupivacaine after soleus muscle exposure of Wistar rats, and observed that SCs
proliferation began at almost the same time as following muscle crush injuries. Bupivacaine
is still commonly used for the purpose of studying the mechanisms of skeletal muscle regen‐
eration following injury [7, 14, 15, 22].

3.1.2. Cardiotoxin and Notexin

Snake venom is known for a long time to directly affect the skeletal muscle, producing fibril‐
lation, contractures and depolarization of the sarcolemma. Although initially ascribed to the
phospholipase A content of this venom, muscle contracture and depolarization seem to be
related to the cardiotoxic action of cobra venom [23]. Notexin (NTX) is a phospholipase A2
neurotoxin peptide extracted from snake venoms that blocks neuromuscular transmission
by inhibition of acetylcholine release. Cardiotoxin (CTX) is also a peptide isolated from
snake venoms, but it is a protein kinase C-specific inhibitor that appears to induce the depo‐
larization and contraction of muscle cells, disruption of membrane structure, and lysis of
various cell types [1]. CTX is postulated to be neurotoxic as its injection destroys neuromus‐
cular junctions [24]. However, CTX might cause direct destruction of muscle tissues [25].
Snake CTX polypeptide is now known to be a potent inducer of muscle contracture with
phospholipase A likely acting in accelerating the action of CTX rather than in augmenting it
[23, 26]. Dantrolene antagonizes CTX-induced contractures, suggesting a role for Ca2+ de‐
rived from the sarcoplasmic reticulum in CTX action. CTX rapidly lowers the threshold for
Ca2+-induced Ca2+ release in heavy sarcoplasmic reticulum fractions. The mechanism of ac‐
tion involved in contractures of skeletal muscle appears to be related to the immediate and
specific effect of CTX (Ca2+ release by the sarcoplasmic reticulum) [27, 28].

A more recent study by Gutiérrez and Ownby [25] focused on the role of PLA2 as important
myotoxic components in these venoms suggesting that myotoxic PLA2s binds to acceptors in
the plasma membrane leading to its disruption and pronounced Ca2+ influx which, in turn,
initiates a complex series of degenerative events associated with contracture, activation of
calpains and cytosolic Ca2+-dependent PLA2s, and mitochondrial Ca2+ overload. Fourie et al.
[30] already had suggested that the biological effects of CTX could be a consequence of in‐
hibition of plasma membrane (Ca2+ + Mg2+)-ATPases. The local myonecrosis is often associat‐
ed with other effects, such as hemorrhage, blistering and edema, in a complex pattern of
local tissue damage. Apart from membrane-active CTXs, snake venom hemorrhagic metallo‐
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proteinases also cause myonecrosis, but the mechanism involved is likely to be an indirect
one, probably related to ischemia [25]. CTX is a useful model for muscle regeneration that
does not influence muscle architecture like basal lamina or microvasculature, making the re‐
generation process less complicated than other models like crush, where for example, inade‐
quate blood supply might result in an increase of fibrosis. CTX injection also results in faster
and more extensive muscle degeneration, and an earlier start of the reconstruction phase,
than muscle crushing [24].

3.2. Mechanical methods of skeletal muscle injury

Crush injuries of the skeletal muscle can occur in considerable numbers following natural
disasters  or  acts  of  war and terrorism.  They can also occur sporadically  after  industrial
accidents or following periods of unconsciousness from drug intoxication, anesthesia, trau‐
ma or cerebral events [31]. Crushing as a method of inducing muscle injury and regenera‐
tion was first described by Bassaglia and Gautron [32], and has since been used in several
published research studies [24]. Muscle damage occurs at three distinct stages: at the time
of the initial mechanical crushing force, during the period of ischemia and during the peri‐
od of reperfusion [31]. It has been hypothesized that ischemia is the primary instigator of
local muscle damage following crush injuries [33]. However, studies have shown that al‐
though skeletal muscle tissue can survive circulatory ischemia for 4h, the mechanical force
sustained in crushing, along with ischemia, causes skeletal muscle death in only 1 h. Stud‐
ies of enzyme release suggest that most damage to myocytes occurs during the reperfu‐
sion stage rather than the ischemic stage [31]. Animal models of muscle injury should closely
mimic the clinical situation. Among these models open crush lesion have been used frequent‐
ly, allowing standardized evaluation of regeneration in a selected muscle. For application
of the trauma, either forceps or custom-made devices have been used. There are two types
of muscle-crush models described in the literature: the segmental crush and the complete
crush, where only 4-6% of the fibers remain intact [34]. There are different forms to accom‐
plish the segmental  crush model but most  of  them include the use of  a  surgical  instru‐
ment (hemostatic clamp e.g.) to produce a standardized closing force in a specific area of a
muscle  causing a  compression contusion injury [35].  One of  the  important  steps  of  this
procedure is denervation, which makes the initial steps of regeneration less painful for the
animal.  Skeletal  muscle contusion can also be performed without skin incision by drop‐
ping a mass over a selected muscle. This technique was used by Iwata, Fuchioka [36] em‐
ploying a 640g mass dropped from a 25 cm height onto an impactor (diameter 10 mm)
placed on the belly of the rat medial gastrocnemius. This procedure damaged around 47%
of the entire cross-sectional area of both medial and lateral gastrocnemius.  At day 2 post-
injury, an intense inflammatory response and necrotized myofibers with infiltrated mono‐
nuclear cells were observed. No myotubes were found at this stage. However, a number of
regenerative myotubes were detected at days 7, 14, and 21 days post-injury. This study also
showed that normal locomotion recovers prior to isometric force and complete regenera‐
tion of the injured muscle [36]. The main disadvantage of the complete muscle crush is the
potential damaging of myoneural junctions which triggers not only regeneration of mus‐
cle substance but also initial  innervation deficits.  These deficits  always lead to impaired
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of the trauma, either forceps or custom-made devices have been used. There are two types
of muscle-crush models described in the literature: the segmental crush and the complete
crush, where only 4-6% of the fibers remain intact [34]. There are different forms to accom‐
plish the segmental  crush model but most  of  them include the use of  a  surgical  instru‐
ment (hemostatic clamp e.g.) to produce a standardized closing force in a specific area of a
muscle  causing a  compression contusion injury [35].  One of  the  important  steps  of  this
procedure is denervation, which makes the initial steps of regeneration less painful for the
animal.  Skeletal  muscle contusion can also be performed without skin incision by drop‐
ping a mass over a selected muscle. This technique was used by Iwata, Fuchioka [36] em‐
ploying a 640g mass dropped from a 25 cm height onto an impactor (diameter 10 mm)
placed on the belly of the rat medial gastrocnemius. This procedure damaged around 47%
of the entire cross-sectional area of both medial and lateral gastrocnemius.  At day 2 post-
injury, an intense inflammatory response and necrotized myofibers with infiltrated mono‐
nuclear cells were observed. No myotubes were found at this stage. However, a number of
regenerative myotubes were detected at days 7, 14, and 21 days post-injury. This study also
showed that normal locomotion recovers prior to isometric force and complete regenera‐
tion of the injured muscle [36]. The main disadvantage of the complete muscle crush is the
potential damaging of myoneural junctions which triggers not only regeneration of mus‐
cle substance but also initial  innervation deficits.  These deficits  always lead to impaired
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healing [34]. Histological analysis of muscle regeneration after crush injury shows an ini‐
tial phase of inflammation followed by SCs activation, myotube regeneration and fibrosis
of the muscle.  It  has been shown that development of fibrotic tissue is  one of the main
factors affecting the recovery of muscle function after traumatic muscle injury [34].  In a
qualitative assessment performed by our group we tested the open crush lesion in the tibialis
anterior  (TA) muscle of adult Sasco Sprague rats. Different standardized force intensities,
durations of muscle compression (30 seconds and 1 minute) and time points (3, 8, 15 and
21 days post-surgery)  were considered for  the histological  evaluation of  skeletal  muscle
injury.  Hematoxilin-eosin  (HE)  and Masson’s  trichrome staining  were  employed in  this
preliminary study. At day 3 post-surgery, myofiber damage was evident and the lymph
nodes were reactive due to the active inflammatory process. The presence of fibrosis was
evident only following 15 days from the initial  injury.  This evaluation revealed that the
crush model was not the most appropriate for in vivo  evaluation of cellular therapies for
skeletal  muscle regeneration aid,  since the extent of this injury type did not present the
magnitude required to accurately appreciate the biological effects of MSCs utilization [38].

3.3. Myectomy and myotomy

The loss of a portion of a skeletal muscle poses a unique challenge for regeneration of mus‐
cle tissue and restoration of its normal structure and function [39]. In the event of large-scale
soft tissue traumas, extensive loss of full-thickness native tissue architecture renders the
wound site unable to support normal regeneration process. In severe tissue injuries the
acute inflammatory response is followed by formation of a provisional fibrin matrix derived
from trauma-associated blood clotting and this matrix is then infiltrated by type I collagen-
producing fibroblasts [40]. In order to mimic those situations, new experimental models
have been developed in which a defined portion of the muscle tissue is removed, creating a
myectomy defect within the muscle. For example, Merrit et al. [39] removed a 0.5 x 1.0 cm or
a 1.0 x 1.0 cm fraction of the gastrocnemius muscle of rats, creating a small and large defect
respectively. This was accomplished lacerating the lateral side of the muscle with a #9 scal‐
pel blade. We have recently developed a novel experimental muscle injury model in the TA
muscle of adult Sasco Sprague rat, by using a biopsy punch to create a standardized myecto‐
my defect. Sasco Sprague male rats with 250-300g were used and after a standardized 5 mm
diameter myectomy lesion in the mid-belly of the tibialis anterior muscle, the defect was com‐
pletely filled with different vehicles and/or biomaterials, cellular suspensions containing
1x106 human MSCs isolated from Wharton’s jelly and conditioned media (Figure 1). This
concentrated media contains trophic factors secreted by MSCs during cell culture. In our re‐
search work, the myectomy model proved to be the most appropriate for a comprehensive
and standard evaluation of the rat skeletal muscular regeneration ability. The regeneration
process in other models of lesion, like simple muscle crush, did not present the magnitude
required to accurately appreciate the biological effects of MSCs [38].
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Figure 1. Biopsy punch for myectomy lesion creating a 5 mm Ø defect in the rat tibialis anterior (TA) muscle.

Another less invasive model of muscle injury has been used in a number of studies by pro‐
ducing a laceration injury (myotomy) [42-44]. In some cases this was obtained by a partial
thickness (50%) cut of gastrocnemius muscles in mice at 60% of their length from their distal
insertion, through 75% of their width and then sutured with a modified Kessler stitch and
simple sutures using a PDS 7.0 wire (Ethicon, Somerville, New Jersey) [43]. Other studies
used a full-thickness (100%) cut though 50% of the gastrocnemius muscle width [44]. The ad‐
vantages of this model are its reproducibility and the ability to apply consistently precise in‐
jections into the laceration site [43].

3.4. Denervation (indirect model)

Innervation regulates skeletal muscle mass and muscle phenotype and peripheral nerve in‐
jury in the rat is a widely used model to investigate nerve regeneration and can also be em‐
ployed as a model of muscle inactivity and muscle atrophy. Changes in the muscles may
contribute to functional deficit after nerve injury [47]. Denervation induces muscle atrophy
and 25 months post denervation muscle fibers cross sectional area of the extensor digitorium
longus (EDL) muscle diminish to only 2.5% of control animals although their fascicular or‐
ganization is maintained [47]. The effect of denervation on muscle atrophy is both activity-
dependent and activity-independent since the degree of hindlimb muscle atrophy after
spinal isolation (activity-independent nerve influence) is less when compared to the atrophy
caused by removal of all nerve influences by transecting the sciatic nerve [9]. Two basic
mechanisms are responsible for denervation-induced muscle atrophy. First, there is aug‐
mented activity of the ubiquitin-proteasome pathway and proteolysis [48]. Second, there is
cell death and myonuclei apoptosis conjugated with decreased capacity of satellite cell-de‐
pendent reparative myogenesis [49]. Together with atrophy, denervated/reinnervated mus‐
cles undergo phenotypical changes and conversion between muscle fiber types [50]. The
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relative increase in type I or type II muscle fibers following denervation seems to depend on
the type of muscle fibers predominant in the muscle, with type II muscle fibers (fast fibers)
increasing in proportion in soleus (considered a slow muscle) and type I muscle fiber num‐
ber increasing in gastrocnemius and TA muscles [51]. Likewise, the degree of muscle fiber
atrophy in short-term denervation (4 weeks) has been noticed to be greater in the muscle fi‐
ber type that is more abundant in the affected muscles [52]. Earlier studies suggested that it
was possible that denervated muscles could have increased muscle plasticity due to acceler‐
ation in the early myoblastic stages of muscle regeneration. Nevertheless McGeachie and
Grounds [53] data proved that very few precursors were proliferating in denervated muscle
within 30 h after injury, and the onset of myogenesis at 30 h was essentially the same in de‐
nervated and innervated muscle. They compared the onset of DNA synthesis in muscle pre‐
cursors in denervated and innervated muscle of adult BALBc mice regenerating after a
simple cut injury. This study concluded that although denervation of skeletal muscles caus‐
es an increase in SCs and connective tissue cell turnover, it does not “prime” the general
population of muscle precursors to start synthesizing DNA more rapidly after injury than in
innervated muscle [53]. After sciatic nerve transection at an adult age, electromyography
(EMG) patterns in hindlimb muscles during locomotion remained highly abnormal even af‐
ter recovery periods lasting 15 or 21 weeks [54]. This may be a limitation when using dener‐
vated muscles as a model of muscle injury since regeneration might be affected for a very
prolonged period. Like already mentioned, other models of skeletal muscle injury, like com‐
plete crush or myectomy, can be accompanied by denervation since these traumatic models
may possibly damage peripheral nerves or myoneural junctions. This might also be an un‐
desirable occurrence in the standardization of these models of muscle injury. In fact, our
preliminary work using TA myectomy showed that few animals developed severe muscle
force deficit after 4 weeks recovery, suggesting that damaged of the supplying nerve occur‐
red in these animals subset.

In our research group, standard peripheral nerve injuries in the rat sciatic nerve model have
been performed [57-63] in order to evaluate different therapeutic approaches including sev‐
eral biomaterials and cellular systems to promote sensitive and functional recovery of the
nerve. A standard crush injury is performed by a non-serrated clamp (Institute of Industrial
Electronic and Material Sciences, University of Technology, Vienna, Austria), exerting a con‐
stant force of 54 N for a period of 30s, 10mm above the bifurcation into tibial and common
peroneal nerves, inducing a 3mm axonotmesis lesion [57-63]. In order to induce a standard
neurotmesis lesion in the rat sciatic nerve model, considered a more serious lesion, under
deep anaesthesia, the right sciatic nerve is exposed through a skin incision extending from
the greater trochanter to the distal mid-half followed by a muscle splitting incision. After
nerve mobilisation, a transection injury is performed (neurotmesis) using straight microsur‐
gical scissors. The nerve is injured at a level as low as possible, in general, immediately
above the terminal nerve ramification. To prevent autotomy, a deterrent substance should
be daily applied to rat right foot [57-63]. Both experimental injuries induce severe motor def‐
icit and loss of sensory function, evaluated by measuring extensor postural thrust (EPT) and
withdrawal reflex latency (WRL), respectively [57-63]. Sensory and motor deficit then pro‐
gressively decreased along the post-operative, depending on the therapeutic approach used.
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Very promising results were obtained with chitosan type III membranes and MSCs isolated
from the umbilical cord matrix. In addition, we also perform kinematic analysis of the rat
walk which is a more sensitive behavioral test. This analysis is increasingly being used to
assess functional recovery in peripheral nerve research because of its higher accuracy and
better relationship with histological outcome [57-63]. We should bare in mind that locomo‐
tion is also of higher functional relevance since it involves integrated function of both the
motor and sensory systems and their respective components, such as skeletal muscles, sen‐
sory endings, efferent and afferent nerve fibers and integrative centers within the central
nervous system. Muscles innervated by sciatic nerve branches include both dorsiflexors and
plantarflexors and, although in our published studies we focused our kinematic analysis on‐
ly in the stance phase, we now prefer to include analysis of the ankle joint motion also dur‐
ing the swing phase in order to provide additional information [59]. Denervation can be a
very useful model of skeletal muscle injury for some experimental studies but some limita‐
tions might be pointed out in studies that attempt to focus exclusively on the muscular re‐
generation process. Nevertheless and as demonstrated by several studies, this muscular
regeneration process is highly dependent of the neural supply and the nerve regeneration
itself can be influenced by the damaged muscle tissue.

4. Tissue engineering and regenerative medicine

Every day thousands of clinical procedures are performed to replace or repair tissues in the
human body that have been damaged through disease or trauma that use tissue engineering
technology. The use of constructs for tissue engineering (TE) and regenerative medicine are
promising innovative therapies that can address several clinical situations. These constructs
are often combination of cells, scaffolds and biological factors. Although there are only a few
commercial products currently in the market for cell/drug delivery, probably because each
type of cell requires its own specific encapsulating microenvironment with cell-specific ma‐
terial properties and spatially controlled bioactive features, a vast amount of research is be‐
ing performed worldwide on all aspects of tissue engineering/regenerative medicine
exploring polymer materials. To implant cells into defective skeletal muscles, there are two
main techniques. The cellular system may be directly injected into the scaffold which is lo‐
calized in the injury site. It can also be performed by pre-adding the cells to the scaffold via
injection or co-culture (in most of the cellular systems, cells are allowed to form a monolay‐
er) and then the biomaterial with the cellular system is implanted in the injured muscle. In
case of multiple sites of injury, the systemic administration of cells capable of reaching dam‐
aged tissues would be an interesting alternative [64].

4.1. – Scaffolds and Biomaterials

Scaffolds, which are used to deliver cells, drugs, and genes into the body, can take on vari‐
ous forms from porous solid devices to injectable networks, such as a typical three-dimen‐
sional porous matrix, a nanofibrous matrix, a hydrogel, and microspheres. Although solid
scaffold provide a mechanically strong matrix for seeded cells, hydrogel scaffolds and mi‐
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crospheres are becoming increasingly popular in TE. The spherical nature maximizes the
surface area, and the small volume of beads facilitating biomolecular transport. Regarding
hydrogels, they have a similar microstructure to the extracellular matrix (ECM) and allow
good physical integration into the defect by the use of minimally invasive approaches for
material and cell/drug delivery. The biological, chemical, topography features and mechani‐
cal properties, as well as the degradation kinetics of hydrogels, can be tailored depending on
the application [65-68]. Aligned nanoscale and microscale topographic features in scaffolds
have been also reported to influence the alignment of cells. For example, this alignment is an
important requirement of functional skeletal muscle since it leads to alignment of myoblasts
and cytoskeletal proteins and promote myotube assembly along the nanofibres and micro‐
grooves to mimic the myotube organization in muscle fibres [65, 68-70]. Scaffolds are used
successfully in various fields of tissue engineering such as bone formation, periodontal re‐
generation, cartilage development, as artificial corneas, in tendon repair and in ligament re‐
placement. In addition, the incorporation of drugs (i.e., inflammatory inhibitors and/or
antibiotics) into scaffolds or specific molecules to provide adequate signals to the cells is also
possible [71] Depending on the medical applications, scaffolds requirements will depend on
its function. Hydrogels can be used as a physical barrier to protect the cells from hostile ex‐
trinsic factors before delivery, or be used as a matrix to drug controlled release or cell adhe‐
sion, growth and differentiation to further improve the secretion of therapeutic proteins
from cells. In fact cells are capable of delivering drugs in response to an external stimulus,
which is highly advantageous to maintain homeostasis for patients suffering from chronic
diseases. For the first application, the scaffold needs:

i. to be biocompatible, by minimizing the patients’ immune response, which is detri‐
mental to cell viability, hydrogel stability, and mass transport. Ideally, the scaffold
should evoke no or only minimal fibrous tissue reaction, macrophage activation,
and cytokine and cytotoxic agent release

ii. to have controllable degradability, being the degradation products not toxic and
eliminated easily from the implantation site by the body, and

iii. to have mechanical properties that are sufficient to shield cells from tensile forces
without inhibiting biomechanical cues to cells through mechanotransduction path‐
ways that mediate tissue homeostasis, morphogenesis, cell growth, contractility,
differentiation, and pathophysiology [70-72].

For the second applications further requirements are needed, mainly:

i. a microstructure that allows for the influx of nutrients and oxygen toward the en‐
capsulated cells and prevents the efflux of therapeutic molecules and cellular
wastes away from the scaffold; this is assured through adequate pore size distribu‐
tion and its interconnectivity. A high surface:volume ratio should be suitable for
cell/drug attachment;

ii. adequate drug binding affinity to allow a controllable drug released to be stable
when incorporated in the scaffold at a physiological conditions;
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iii. bioadhesion, to allows cells and tissues to adhere to scaffolds. Some hydrogels such
as fibrin or collagen inherently exhibit bioadhesive properties, but others do not
and therefore linker molecules that enable covalent or non-covalent molecular in‐
teractions between the scaffold and its surroundings are incorporated;

iv. the mechanical properties of the scaffold, commonly controlled with the polymer
concentration and molar ratio between polymers and cross-linking molecules,
should match those of the tissue at the implantation site as well as the degradation
rate that should match the rate of tissue regeneration [73-77].

4.1.1. Hydrogel scaffolds

Hydrogels, three-dimensional (3D) networks of hydrophilic polymers, are appealing for bio‐
logical applications because of their high water content, high permeability, biocompatibility,
and the ability of be placed into critical defects in a minimally invasive manner [78]. They
are being used in a wide range of tissues, including cartilage, bone, muscle, fat, liver, and
neurons. For use in drug/cell delivery, hydrogels should be low-viscosity solutions prior to
gelling, which is crucial to maintain cell viability during the encapsulation process, and
should rapidly gel in the human body. These properties can be fine-tuned through varia‐
tions in the chemical structure and cross-linking density in hydrogels. Injectable hydrogels
can be formed in situ by either chemical or physical cross-linking methods [79, 80]. Physical
cross-linked hydrogels are capable of phase transition in response to external stimuli such as
temperature, pH or both [81]. Chemically cross-linked hydrogels are prepared through pho‐
topolymerization, disulfide bond formation, or reaction between thiols and acrylate or sul‐
fone. The latter hydrogels undergo significant volume changes compared to the first ones
[81-83]. The pH/temperature-sensitive hydrogels show several advantages over thermo-sen‐
sitive ones, such as the absence of clogging during injection and avoidance of pH decreased
caused by degradation. The pH/temperature-sensitive copolymer hydrogels can be pre‐
pared by combining a pH-sensitive moiety with a temperature-sensitive block. For example,
if acidic sulfamethazine oligomers (OSMs) are coupled with thermosensitive poly(e-CL-co-
LA)-PEG-poly-(e-CL-co-LA) triblock copolymers a pH/temperature-sensitive hydrogels
(OSM-PCLA-PEG-PCLA-OSM) is produced. Photopolymerized hydrogel systems have been
reported to provide better temporal and spatial control over the gelation process [79, 81, 84].

4.1.2. Biomaterials for scaffold fabrication

A wide variety of natural and synthetic materials have been used to prepare injectable hy‐
drogels. Natural polymers, which are either components of or have macromolecular proper‐
ties similar to the natural ECMs, are known to often undergo rapid degradation upon
contact with body fluids or medium and show batch-to-batch variation. Synthetic hydrogels
offer improved control of the matrix architecture and chemical composition, no immunoge‐
nicity, consistent supply of large quantities, but tend to have lower biological activity.
Therefore, modification of natural and synthetic derived hydrogels is usually required [79].
A natural biodegradable 3D scaffold can be made of acellular muscle ECM but it’s fragile
and difficult to handle [85]. Another natural biodegradable scaffold can be created by using
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fibrin, which leads to a process much similar to wound healing, in which fibrin forms a tem‐
porary scaffold to serve tissue regeneration and then is replaced by the physiological ECM.
Fibrin has the additional advantage that it binds growth factors [70].

Fibrin hydrogels are made from commercially purified allogeneic fibrinogen and purified
thrombin, and have been used in a variety of tissue engineering applications. Its main disad‐
vantages reported to be shrinkage of the gel, low mechanical stiffness and its rapid degrada‐
tion can be overcome by incorporating other polymers such as gelatin, hyaluronic acid, and
chondroitin-6-sulfate. Fibrin glue is clearly distinguished from fibrin hydrogels that are pre‐
pared from purified fibrinogen and thrombin. Despite the commercial fibrin glue is availa‐
ble in standardized quality; autologous fibrin glue is cheaper and has no viral transmission
and prion infection [86]. Tisseel® VH, is a fibrin glue commercialized by Baxter, and consists
of a two-component fibrin biomatrix with highly concentrated human fibrinogen to produce
fibrin gel from a blood sample and is safe to be used in TE. FloSeal® is another commercial
hemostatic matrix with potential in TE, and consists of a cross-linked bovine-derived Gela‐
tin Matrix component and a human-derived Thrombin component. Literature reports that
myoblasts seeded on fibrin gels have been shown to differentiate into contracting muscle fi‐
bres and to demonstrate a normal length–tension and force–frequency relationship [87, 88].

Alginate is the designation given to a natural family of biodegradable, biocompatible, hy‐
drophilic and non-toxic polysaccharides extracted from some marine algae and some micro‐
organisms. Alginates are linear block co-polymers composed of two different monomers, β-
D-mannuronic acid (M) and α-L-glucuronic acid (G), which are linked by (1-4) glycosidic
bonds. The main property of alginate that potentiates its use in different areas, it is its ability
to bind some divalent cations such as Ca2+ in the carboxylic groups which provides the ge‐
lation of the alginate solution. The properties of the gel are dependent of the ratio between
M and G monomers (M:G ratio); if the proportion of the G monomer is predominant, a
strong brittle gel it obtained, whereas if the proportion of the M monomer is predominant,
the formed gel will be weaker, but more flexible, because there are less junction zones be‐
tween the polymer chains. As alginate is a polyelectrolyte, more specifically a polyanion, it
can be ionically associated with a polycation existent in the same solution through hydrogen
bonding or electrostatic interactions, forming a polyelectrolyte complex [89, 90]. Cell-encap‐
sulating calcium cross-linked alginate hydrogels have been extensively studied because algi‐
nate molecules are anionic polysaccharides and do not associate with many proteins. Since
alginate itself is inert for cell attachment and spreading, the cell adhesion properties can be
tailored by linking molecules such as RGD peptides to its backbone [91].

Chitosan is a natural and hydrophilic copolymer, and it is composed by two monomeric
units, D-glucosamine and N-acetyl-D-glucosamine linked by β(1–4)-glycosidic bond. This
linear polysaccharide has been widely studied in medical applications due to its biocompati‐
bility, biodegradability, non-toxicity, fungistaticity, antimicrobial activity, non-carcinogenic‐
ity, notable affinity to proteins, promotion of cell adhesion as well as proliferation and
differentiation [67]. Chitosan results from the alkaline deacetylation of the chitin and its sol‐
ubility is mainly influenced by its molecular weight and degree of deacetylation. Some
methods have been developed to lower the molecular weight of chitosan by hydrolysis of
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the polymeric chains, in order to produce chitosan salts which are soluble in water. Chito‐
san-based hydrogels have been gelled via glutaraldehyde cross-linking, UV irradiation, and
thermal variations [81].

Hyaluronic Acid (HA) is a natural, hydrophilic and non-sulfated glycosaminoglycan. This
polymer is a linear polysaccharide, in which the repeating unity is a disaccharide composed
by two monomers, D-glucuronic acid and N-acetyl-D-glucosamine, linked through alternat‐
ing β1,3 and β1,4 glycosidic bonds. HA has been used as a biomaterial in various medical
applications, due to its biocompatibility, biodegradability, and non-immunogenicity. HA is
the main component existent in the extracellular matrix (ECM) of living tissues, namely in
the connective, epithelial and neural. This polymer, due to its structural and biological prop‐
erties, has the ability of mediate the cell signalling and behaviour, and the matrix organiza‐
tion. HA is able of interact with some cell surface receptors, being involved in the tissue
hydrodynamics, cell migration and proliferation. Several strategies have been reported to
prepare HA-based hydrogels [92, 93].

Among the most widely used synthetic polymers for scaffolds, either alone or copolymer‐
ized with synthetic or natural polymers, as biodegradable polymers are polyglycolide, poly‐
lactide and its copolymer poly(lactide-co-glycolide), polyphosphazene, polyanhydride,
poly(propylene fumarate), polycyanoacrylate, polycaprolactone, polydioxanone, and poly‐
urethanes, and as non-biodegradeable polymers are included polyvinyl alcohol (PVA), poly‐
hydroxyethymethacrylate, and poly(N-isopropylacrylamide) [71, 94].

The majority of natural biomaterials used in clinical applications are derived from animal or
human cadavers’ sources. In spite of thorough purification methods, these materials bear
the inherent risk of transfer viral diseases and may cause immunological body reactions
while synthetic biomaterials are not associated with these risks. So, a critical issue in this
type of cellular transplants is the search for an optimal vehicle to provide the ideal environ‐
ment for cell hosting and for the release and conduction of molecules to the site of injury for
cell-host interaction. Taking this into account we evaluated different biomaterials as vehicles
for the cellular system intended to be tested for skeletal muscle regeneration using our
myectomy injury model in the rat. Plasma derived substances, hemostatic matrix solutions
and hydrogels (Figure 2 and Figure 3) were tested and the in vivo response was compared
histologically according to the International Standard ISO 10993-6 (see 5.1.3). The following
procedure was done under sterile conditions. For preparation of the spherical hydrogel, the
polymer solution is prepared by adding in a ratio of 1:1 (V/V), a sodium alginate aqueous
solution 7% (m/V) to a sodium hyaluronate aqueous solution 0.5% (m/V), under magnetic
stirring. Afterwards the polymer solution is inserted into an insulin syringe and a droplet is
released into an excess of cerium nitrate solution 135mM, in order to obtain a cross-linked
polymer sphere of approximately 60 μl of volume. Cerium nitrate and sodium hyaluronate
solution were sterilized by microfiltration (0.22 μm membrane) and sodium alginate powder
is sterilized in an autoclave (120ºC for 15 minutes) previous to the solution preparation (Fig‐
ure 2 and Figure 3). These tested biomaterials including the spherical hydrogel were not on‐
ly used as vehicles but their properties were also evaluated and optimized to find a suitable
matrix for the cellular implants.
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Figure 2. Hydrogel preparation (alginate, hyaluronic acid and cerium).

Figure 3. Application of a spherical hydrogel containing 1x106 MSCs from the Wharton’s jelly, in the 5 mm Ø TA myec‐
tomy defect.

4.2. Cells

There is evidence both from animal studies and clinical investigations that cell therapy in‐
volving different types of stem cells application is promising as means to promote regenera‐
tion of skeletal muscles following severe injuries. Technical or/and ethical difficulties in
obtaining sufficient and appropriate stem cells from the bone marrow or from embryos (ob‐
tained from assisted reproduction techniques or somatic nuclear transfer - cloning) have
limited the application of this type of therapy. Stem cells are known as an undifferentiated
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population, with endless self-renewal and sustained proliferation in vitro and multilineage
differentiation ability [95]. The in vitro multilineage differentiation is the concept that gives
these cells an extreme priority for use in tissue and cell-based therapies. Stem cells can be
loosely classified into 3 categories based on their functional role: hematopoietic stem cells,
mesenchymal stem cells (MSCs) and embryonic stem cells [95].

MSCs have become one of the most exciting targets for tissue regeneration due to their high
plasticity, proliferative and multilineage differentiation capacity. These cells are capable of
differentiating into adipose, bone cartilage and muscle. Among all this notable characteris‐
tics, MSCs reveal other properties of great importance, they present low immunogenicity
and high immunosuppressive properties due to a decreased or even absence HLA Class II
expression [96]. Differentiation potential of MSCs in multilineage end-stage cells has been
proven, so as the treatment potential in musculoskeletal disorders [97, 98]. Since their first
isolation in 1968, from rat bone marrow [99], MSCs have been isolated with success from al‐
most all tissue sources: skeletal muscle, adipose tissues, synovial membranes, umbilical cord
matrix and blood, placental tissue, amniotic fluid among others. Along with differentiation
capacity, an increasing amount of data has demonstrated that the MSCs have the capacity of
modulating the surrounding environment, by secretion of multiple factors and activation of
endogenous progenitor cells [100, 101].

4.2.1. Umbilical cord

From our data and from previously published experimental work, the development of cell
therapies associated to biomaterials is a promising tool for increase skeletal muscle regener‐
ation, avoiding the irreversible loss of function and limit the fibrous scar tissue presence
[57-59]. Recent years have witnessed an explosion in the number of adult stem cells popula‐
tions isolated and characterized. While still multipotent, adult stem cells have long been
considered restricted, giving rise only to progeny of their resident tissues. Recently, and cur‐
rently controversial studies have challenged this dogma, suggesting that adult stem cells
may be far more plastic than previously appreciated [102, 103]. Extra-embryonic tissues as
stem cell reservoirs offer many advantages over both embryonic and adult stem cell sources.
The umbilical cord matrix is an important and safe source of MSCs with positive effects in
nerve and skeletal muscle regeneration, with no ethical or technical issues. MSC isolated
from umbilical cord matrix (Wharton’s jelly), as well as embryonic stem cells (ESCs) are ori‐
ginated from inner cell mass of blastocyst [104]. Comparing with ESCs, MSCs have shorter
population doubling time; can be easily cultured in plastic flasks, are well tolerated by im‐
mune system; therefore transplantation of these cells into non-immune-suppressed animals
does not induce acute rejection. Most important, these cells do not originate teratomas [104].
Like bone marrow stromal cells and other MSCs, the MSCs from the Wharton’s jelly are
plastic adherent, stain positively for markers of the mesenchymal lineage (CD10, CD13,
CD29, CD44, CD90, and CD105) and negatively for markers of the hematopoietic lineage.
These MSCs are capable of self-renewal with sustained proliferation in vitro and can differ‐
entiate into multiple mesodermal cells. The high plasticity and low immunogenicity of these
cells turn them into a desirable form of cell therapy for the injured musculoskeletal tissue
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without requiring the use of immunosuppressive drugs during the treatments. Interestingly,
these cells, which are HLA class II negative, not only express both an immuno-privileged
and immuno-modulatory phenotype, but their HLA complex class I expression levels can al‐
so be manipulated, making them a potential cell source for MSC-based therapies. In addi‐
tion and as previously referred, these cells represent a non-controversial source of primitive
mesenchymal progenitor cells that can be harvested after birth, cryogenically stored,
thawed, and expanded for therapeutic uses. MSCs from the Wharton’s jelly display a high
proliferative rate and plasticity, being able to differentiate into adipocytes, osteoblasts, chon‐
drocytes, cardiomyocites, neurons, and glia. More recently, Conconi et al. [105] demonstrat‐
ed that CD105(+)/CD31(-)/KDR(-) cells are able not only to differentiate in vivo towards the
myogenic lineage as demonstrated by the co-localization of HLA 1 and sarcomeric tropo‐
myosine antigens, but also to contribute to the muscle regenerative process. These cells were
found to differentiate in vitro into myoblast-like cells, expressing Myf5 and MyoD after 7
and 11 days of myogenic induction, respectively. The timing of expression of Myf5 and My‐
oD in CD105(+)/CD31(-)/KDR(-) cells is similar to that described during embryonic develop‐
ment and in myoblast cultures [105].

Using the myectomy model we tested the use of Human MSCs isolated from the Wharton’s
jelly in order to improve skeletal muscle regeneration. The cells were directly infiltrated into
the lesion or delivered by different vehicles including Floseal®, Tisseel®, carboximetilcellu‐
lose (Sigma) and spherical hydrogel (own fabrication). MSC from Wharton’s jelly were pur‐
chased from PromoCell GmbH (C-12971, lot-number: 8082606.7). The MSCs are cultured
and maintained in a humidified atmosphere with 5% CO2 at 37ºC. Mesenchymal Stem Cell
Medium, PromoCell (C-28010) is replaced every 48 hours. At 90% confluence, cells are har‐
vested with 0.25% trypsin with EDTA (GIBCO) and passed into a new flask for further ex‐
pansion. MSCs at a concentration of 2 x 105cells are cultured exhibiting a 90% confluence
after 3-4 days. The application of human MSCs in rats is possible without inducing any im‐
munossupression in the experimental animals. The MSCs exhibited a normal star-like shape
with a flat morphology in culture (Figure 4). A total of 20 Giemsa-stained metaphases of
these cells, were analyzed for numerical aberrations. Sporadic, non-clonal aneuploidy was
found in 3 cells (41-45 chromosomes) the other 17 metaphases had 46 chromosomes. The
karyotype was determined in a completely analyzed G-banding metaphase and no structur‐
al alterations were found [57]. The karyotype analysis to the MSCs cell line derived from
Human Wharton jelly demonstrated that this cell line hasn’t neoplasic characteristics and is
stable during the cell culture procedures in terms of number and structure of the somatic
and sexual chromosomes. Also, the morphologic characteristics of these cells in culture, ob‐
served in an inverted microscope, are normal. These cells presented a star-like shape with a
flat morphology, characteristic of the MSCs been adequate to be used in in vivo rat experi‐
mental model [57]. The MSCs karyotype was studied in order to be sure that these cells did
not present any number or structure chromosome abnormalities due to isolation and cell
culture procedures before in vivo application. This concern was due to the negative effects
that some cellular systems, like the ESCs present, inducing the production of teratomas. The
cellular systems implanted into the injured skeletal muscle improved the skeletal muscle re‐
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generation since these cells produce growth factors, ECM molecules, and even modulate the
inflammatory process.

Figure 4. Undifferentiated MSCs from Wharton’s jelly, exhibiting a star-like shape with a flat morphology (100x mag‐
nification).

5. Evaluation of muscle regeneration

Muscle biopsies should be considered in order to obtain careful clinical assessment or for in‐
vestigation purposes. After the collection of the muscle samples, they should be immediate‐
ly equally divided in three. One sample should be placed into formalin (for hematoxilin and
eosin - HE), another sample should be fixed into 2.5% purified glutaraldehyde in 0.1M Sor‐
ensen phosphate buffer (for electron microscopy - EM) and the other sample should remain
unfixed and refrigerated (for histochemistry, biochemistry/genetics analysis).

5.1. Routine histological evaluation

Routine evaluation of the muscle biopsy sample involves the examination of formalin-fixed,
paraffin processed sections and unfixed frozen sections with standard histological and en‐
zyme histochemical stains at the light microscopic level. HE is the routine histological stain
used for evaluation of basic tissue organization and cellular structure. For HE, the whole
piece of tissue should be fixed in a clamp and after the tissue is infiltrated with wax, both
longitudinal and cross sections must be cut before embedding. Five levels should be ob‐
tained, especially in cases suspected of vasculitis. The parameters that can be evaluated are:
the type of inflammatory infiltrate present; examination of the structure of vessels walls
(vasculitis and/or fibrinoid necrosis); presence of endomysial and perimysial fibrosis/fatty
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infiltration; the range of fiber caliber; presence of angulated fibers; increase in number of
centrally located nuclei; central capillary migration; split fiber; group atrophy; necrotic/
myopathic (degenerating) fibers; atrophic fibers; regenerating fibers; target fibers; whorl fi‐
bers and ring fibers. The rounding of fiber contour and the variation of fiber diameter
should also be analyzed, however they are better evaluated with frozen sections (Figure 5).

Figure 5. HE staining of TA muscles 15 days post myectomy (A - control) and application of fibrin (B), hydrogel (C),
Floseal® (D).

5.1.1. Morphological analysis

Long-standing histological characteristics are still used to identify the mammalian skeletal
muscle regeneration process. On muscle cross-sections, these fundamental morphological
characteristics are newly formed myofibers of small caliber and with centrally located myo‐
nuclei. Newly formed myofibers are often basophilic (reflecting high protein synthesis) and
express embryonic/developmental forms of MHC (reflecting de novo fiber formation). On
muscle longitudinal sections and in isolated single muscle fibers, central myonuclei are ob‐
served in discrete portions of regenerating fibers or along the entire new fiber, suggesting
that cell fusion is not diffuse during regeneration but rather focal to the site of injury [1].
Cross-sectional area (CSA) analysis is one of the features that can be assessed. This can be
achieved with imaging software processing (Scio Image, ImageJ) of HE-stained muscle sec‐
tions. A predefined number of fibers is traced per sample and should be determined as ap‐
propriate by the examination of no additional changes in standard deviation. The
classification of small and large fibers can be determined for example by setting three stand‐
ard deviations from the mean CSA for the uninjured group at different time points [14]. The
CSA and number of myotubes can be used to estimate the development degree of muscle
regeneration following injury [36].
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5.1.2. Collagen quantification

Collagen content in the wound bed can be calculated by image analysis of Masson’s Tri‐
chrome-stained histological images taken at a predefined image magnification. Color sepa‐
rations must be performed and an analysis threshold must be established for each image
series collected using the same brightness and white balance settings. Output images show‐
ing only computed blue coverage must be compared to the color images to ensure the repre‐
sentation of truly blue color due to collagen staining. As a control the analysis must be
performed on uninjured (control) skeletal muscle tissue sections stained with Masson’s Tri‐
chrome and collected using the same camera and threshold settings to confirm a collagen
content of zero for control tissue. The ratio of blue pixels above the threshold to total pixels
in the image is used to calculate the collagen content for each image [40].

5.1.3. International Standard (ISO 10993-6)

The International Standard (ISO 10993-6) specifies test methods for the assessment of the lo‐
cal effects after implantation of biomaterials intended for use in medical devices. These im‐
plantation tests are not intended to evaluate or determine the performance of the test
specimen in terms of mechanical or functional loading. The local effects are evaluated by a
comparison of the tissue response caused by the tested implant to that caused by the control.
The objective of the test methods is to characterize the history and evolution of the tissue
response after implantation of a medical device/biomaterial including final integration or re‐
sorption/degradation of the material. The test sample shall be implanted into the tissues
most relevant to the intended clinical use of the material. For short-term testing, animals
such as rodents or rabbits are commonly used. During the first two weeks after implantation
the reaction due to the surgical procedure itself may be difficult to distinguish from the tis‐
sue reaction evoked by the implant and for that reason in our study we collected the muscle
samples 15 days after implantation. For degradable/resorbable materials the test period shall
be related to the estimated degradation time of the test product. In our case the majority of
the vehicles/matrices tested the degradation time is less than 4 days. In the absence of com‐
plete degradation, absorption, or restoration to normal tissue structure and function, the
overall data collected may be sufficient to allow characterization of the local effects after im‐
plantation. A sufficient number of implants shall be inserted to ensure that the final number
of specimens to be evaluated will give valid results. The evaluation of the biological re‐
sponse must be accomplished by documenting the macroscopic and histopathological re‐
sponses as a function of time. The responses to the test sample must be compared to the
responses obtained at the control sample or sham operated sites. The scoring system used
for the histological evaluation shall take into account the extent of the area affected, either
quantitatively (e.g. in micrometres) or semi-quantitatively (Annex E of this Standard) [44,
106]. The biological response parameters, which shall be assessed and recorded, include:

i. the extent of fibrosis/fibrous capsule (layer in μm) and inflammation;

ii. the degeneration as determined by changes in tissue morphology;
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iii. the number and distribution as a function of distance from the material/tissue in‐
terface of the inflammatory cell types, namely polymorph nuclear neutrophilic leu‐
cocytes, lymphocytes, plasma cells, eosinophils, macrophages and multinucleated
cells;

iv. the presence, extent and type of necrosis;

v. other tissue alterations such as vascularization, fatty infiltration, granuloma forma‐
tion and bone formation;

vi. the material parameters such as fragmentation and/or debris presence, form and lo‐
cation of remnants of degraded material;

vii. the quality and quantity of tissue ingrowth, for porous and degradable implant
materials [106].

Under the conditions of the study and following the results for the mentioned parameters in
the semi-quantitative scoring system (Annex E of this Sandard), the test sample is consid‐
ered as non-irritant (0,0 up to 2,9), slight irritant (3,0 up to 8,9), moderate irritant (9,0 up to
15,0), severe irritant (> 15) to the tissue as compared to the negative control sample [106].
This test method is used for assessing the biological response of muscle tissue to an implant‐
ed material (Annex C of this Standard). As already mentioned, the method compares the bi‐
ological response to implants of test specimens with the biological response to implants of
control specimens. The control materials are those used in medical devices of which the clin‐
ical acceptability and biocompatibility characteristics have been established [106]. In our
study we developed an adaptation of this Standard by considering the control as the group
where the surgical procedure (myectomy) was performed without any biomaterial or cell
implantation (Figure 6). Although the surgical technique may profoundly influence the re‐
sult of any implantation procedure, we assumed that our standardized myectomy lesion
could be considered as the Control group since we were able to determine the local effects of
the different implants by their comparison to the minor effects of the surgical procedure.
The surgeries were executed under general anesthesia with a xylazine (1.25 mg/100 g BW
im) and ketamine (9 mg/100 g BW im) combination [38].

Figure 6. ISO 10993-6 scoring for the groups tested. The Control group obtained a score of 14.7 (in blue). Scorings above
the Control group were considered as non-irritant (in yellow), slight irritant (in orange) and moderate irritant (in red).
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5.2. Histochemistry

For histochemistry a basic panel should be performed, preferentially in frozen sections. De‐
pending on the objectives, an extended panel can be done concerning the study of some
molecules like the already mentioned Masson’s Trichrome-stain or enzyme processes such
as ATPase; NADH-TR or Esterase (Bancroft&Stevens). When necessary, other special stains
can be performed on paraffin sections.

5.3. Immunohistochemistry

In general, the immunohistochemical stains are utilized for the diagnosis of various muscu‐
lar dystrophies. They also may help to determine the subtypes of inflammatory cells within
an infiltrate or for other investigation purposes. Specific skeletal muscle markers such as
myosin heavy chain and desmin can be applied in order to clearly identify this tissue. The
distinction of SCs, considered as the reservoir of myogenic precursor cells, from other cells
must be made (like plasma cells, which may be occasionally seen under the basal lamina in
pathologic conditions). SCs can be easily demonstrated by immunostaining for N-CAM;
they also express vimentin. Activated SCs generally express Myo-D and myogenin [107].
The regenerating fibers express N-CAM, MyoD and myogenin, and also embryonic and ne‐
onatal isoforms of myosin heavy chain. In contrast to mature fibers, MCH class I histocom‐
patibility complex is expressed in regenerating fibers.

5.4. Immunofluorescence

For the preparation of TA muscles for immunofluorescence they should be embedded in
Tissue-Tek OCT compound. Sections are cut at 10 μm using a Leica CM1850 cryostat and
placed onto Surgipath microscope slides. Laminin-α2 chain is detected with a 1:500 dilu‐
tion of rabbit anti-laminin-α2 (2G) polyclonal antibody. The laminin-α1 chain is detected
with a rat anti-laminin-α1 monoclonal antibody. Primary rabbit antibodies are detected with
a 1:500 dilution of fluorescein isothiocyanate-conjugated anti-rabbit secondary antibody and
the rat monoclonal antibody is detected with 1:500 dilution of fluorescein isothiocyanate-
conjugated  anti-rat  secondary  antibody.  In  all  immunofluorescence  experiments,  secon‐
dary  only  antibody  controls  are  included  to  test  for  specificity.  For  mouse  monoclonal
antibodies, endogenous mouse immunoglobulin is blocked with a mouse-on-mouse (MOM)
kit.  A 1-μg/ml concentration of tetramethylrhodamine-conjugated wheat germ agglutinin
(WGA) is used to define muscle fibers. To examine immune response, cytotoxic T cells are
detected with fluorescein isothiocyanate-labeled rat anti-mouse CD8a and macrophages are
detected with fluorescein isothiocyanateconjugated anti-mouse F4/80 at 1:1000 (Figure 7 and
Figure 8) [50].
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with a rat anti-laminin-α1 monoclonal antibody. Primary rabbit antibodies are detected with
a 1:500 dilution of fluorescein isothiocyanate-conjugated anti-rabbit secondary antibody and
the rat monoclonal antibody is detected with 1:500 dilution of fluorescein isothiocyanate-
conjugated  anti-rat  secondary  antibody.  In  all  immunofluorescence  experiments,  secon‐
dary  only  antibody  controls  are  included  to  test  for  specificity.  For  mouse  monoclonal
antibodies, endogenous mouse immunoglobulin is blocked with a mouse-on-mouse (MOM)
kit.  A 1-μg/ml concentration of tetramethylrhodamine-conjugated wheat germ agglutinin
(WGA) is used to define muscle fibers. To examine immune response, cytotoxic T cells are
detected with fluorescein isothiocyanate-labeled rat anti-mouse CD8a and macrophages are
detected with fluorescein isothiocyanateconjugated anti-mouse F4/80 at 1:1000 (Figure 7 and
Figure 8) [50].
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Figure 7. Double imunofluorescence staining for laminin and CD31.

Figure 8. Pax7+ SC counterstained with DAPI.

5.5. Electron microscopy

Electron microscopic (EM) examination of the glutaraldehyde-fixed portion of the biopsy is
performed when the light microscopic studies are inconclusive. Thus, it is reserved for se‐
lected circumstances in which the pathologist determines that EM has the potential of con‐
tributing significantly to determining a specific diagnosis. A specimen placed in
glutaraldehyde must be small, approximately 1-2 mm in width and depth, allowing the
complete tissue penetration by this fixative. Glutaraldehyde makes tissue brittle and inter‐
feres with immunohistochemical studies, so it is not appropriate for the paraffin specimen.
With EM, other muscle cell parameters can be analyzed in detail: the myofibril architecture;
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the plasma and sarcolemmal membrane; the mitochondria (size, density and shape); T-tu‐
bule; amount of lipid; nucleus; phagocytic granules and amount of glycogen. EM is extreme‐
ly useful in some cases: to identify inclusions primarily found by light microscopy; to help
in the characterization of stored material found on light microscopy and define its intracel‐
lular localization; to analyze structural abnormalities found by light microscopy; can assist
in the diagnosis of mitochondrial myopathy or seeking evidence to support a diagnosis of
dermatomyositis (EM can be used to look for tubuloreticular inclusion in endothelial cells
when light microscopic fails to reveal it).

5.6. Contraction force measurement

To obtain an estimate of total TA muscle strength reduced by the injury and possibly recov‐
ered by the cell/vehicle implants, contractile force due to electrical stimulation can be meas‐
ured before injury, after injury and at the time of sacrifice (at different time points) for non-
implanted and implanted animals. This can be accomplished with the animals under
general anesthesia and by anchoring the knee joint using a custom clamping system anch‐
ored to the floor of the surgical stereomicroscope stand and attaching a silk ligature to the
cleft between digits 1 and 2 that must be anchored to a transducer at the other end. This can
also be executed by cutting the TA tendon just before the insertion at the ankle and tying it
with a 4.0 nylon suture attached to the isometric transducer. The exposed muscle is stimulat‐
ed using 2 custom needle electrodes placed at the proximal muscle surface. Electrical stimu‐
lation of the TA muscle is applied at 5 volts, 4 ms pulse duration, at 500 ms intervals and the
resultant tetanic force recorded (200 points(s) using a BioPac MP-100 (Harvard Apparatus)
and accompanying software (AcknowledgeTM). The muscle must be kept hydrated during
the procedure using sterile saline. Maximum tetanic force is measured by reducing the stim‐
ulation interval to 20 ms, generating continuous stimulation simulating tetanus condition.
Another method of applying the electrical stimulation can be obtained by exposing the sciat‐
ic nerve with an incision in the hamstring region The tibial nerve is cut just after the sciatic
nerve splits into the tibial and peroneal nerves to eliminate any contraction from the gastro‐
cnemius muscle causing background in the force data. The exposed sciatic nerve is then laid
over two electrodes with a small piece of parafilm and should also be kept moist with peri‐
odic treatment of mineral oil. Stimulation is made using a supra-maximal square-wave
pulse of 0.1 ms duration. Measurements are performed at the length at which maximal ex‐
tension is obtained during the twitch and the data should be recorded for sub-maximal and
maximal isometric force. Specific maximal force should be quantified by correcting for mus‐
cle mass [40, 98].
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1. Introduction

Most of the cells in our body are in direct contact with extracellular matrix (ECM) compo‐
nents which constitute a complex network of nano-scale proteins and glycosaminoglycans.
Those cells constantly remodel the ECM by different processes. They build it by secreting dif‐
ferent proteins such as collagen, proteoglycans, laminins or degrade it by producing factors
such as matrix metalloproteinase (MMP). Cells interact with the ECM via specific receptors,
the integrins [1]. They also organize this matrix, guided by different stimuli, to generate pat‐
terns, essential for tissue and organ functions. Reciprocally, cells are guided by the ECM, they
modify their morphology and phenotype depending on the protein types and organization
via bidirectional integrin signaling [2-4]. In the growing field of tissue engineering [5], control
of these aspects are of the utmost importance to create constructs that closely mimic native tis‐
sues. To do so, we must take into account the composition of the scaffold (synthetic, natural,
biodegradable or not), its organization and the dimension of the structure.

The particular alignment patterns of ECM and cells observed in tissues and organs such as
the corneal stroma, vascular smooth muscle cells (SMCs), tendons, bones and skeletal mus‐
cles are crucial for organ function. SMCs express contraction proteins such as alpha-smooth-
muscle (SM)-actin, desmin and myosin [6] that are essential for cell contraction [6]. To result
in vessel contraction, the cells and ECM need to be organized in such a way that most cells
are elongated in the same axis. For tubular vascular constructs, it is suitable that SMCs align
in the circumferential direction, as they do in vivo [7, 8]. Another striking example of align‐
ment is skeletal muscle cells that form long polynuclear cells, all elongated in the same axis.
Each cell generates a weak and short contraction pulse but collectively, it results in a strong,
long and sustained contraction of the muscle and, in term, a displacement of the member. In

© 2013 Bourget et al.; licensee InTech. This is an open access article distributed under the terms of the
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the corneal stroma, the particular arrangement of the corneal fibroblasts (keratocytes) and
ECM is essential to keep the transparency of this tissue [9-13]. Tendons also present a pecu‐
liar matrix alignment relative to the muscle axis. It gives a substantial resistance and excep‐
tional mechanical properties to the tissue in that axis [14, 15]. Intervertebral discs [16],
cartilage [17], dental enamel [18], and basement membrane of epithelium are other examples
of tissues/organs that present peculiar cell and matrix organization. By reproducing and
controlling those alignment patterns within tissue-engineered substitutes, a more physiolog‐
ical representation of human tissues could be achieved.

Taking into account the importance of cell microenvironment on the functionality of tissue-
engineered organ substitutes, one can assume the importance of being able to customise the
3D structure of the biomaterial or scaffold supporting cell growth. To do so, some methods
have been developed and most of them rely on topographic or contact guidance. This is the
phenomenon by which cells elongate and migrate in the same axis as the ECM. Topographic
guidance was so termed by Curtis and Clark [19] to include cell shape, orientation and
movement in the concept of contact guidance described by Harrison [20] and implemented
by Weiss [21, 22]. Therefore, if one can achieve ECM alignment, cells will follow the same
pattern. Inversely, if cells are aligned on a patterned culture plate, the end result would be
aligned ECM deposition [23].

The specific property of tissues or materials that present a variation in their mechanical and
structural properties in different axis is called anisotropy. This property can be evaluated ei‐
ther by birefringence measurements [24, 25], mechanical testing in different axis [26], immu‐
nological staining of collagen or actin filaments [23] or direct visualisation of collagen fibrils
using their self-fluorescence around 488 nm [27, 28].

Several techniques have been recently developed to mimic the specific alignment of cells
within tissues to produce more physiologically relevant constructs. In this chapter, we will
describe five different techniques, collagen gel compaction, electromagnetic field, electro‐
spinning of nanofibers, mechanical stimulation and microstructured culture plates.

2. Methods to align cells and ECM in tissue-engineered constructs

2.1. Collagen gel

Collagen is the main constituent of the ECM [1], it is therefore logical to use it as a scaffold
for tissue engineering [29, 30]. Collagen is produced by cells as a protocollagen strand that,
upon enzymatic modification, will be able to assemble into procollagen triple helix and then
into tropocollagen triple helix. Self-assembly of tropocollagen into collagen microfibrils is
followed by lysyl oxidase crosslinking to finally form a collagen fiber [31]. For tissue engi‐
neering applications, collagen can be extracted from dermis of different species including
bovine, porcine, avian and human [32, 33] and tissues such as human placenta [34]. Collagen
monomer can be bought commercially from different providers. However, these solutions
do not always contain the full-length collagen molecule, which can affect its properties.
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Preparation of a collagen gel from these solutions is quite simple, the collagen solution, pro‐
vided at pH 2, self-assemble at 37°C and at a neutral pH. Cells can be added to the solution
after neutralisation and before casting of the gel, allowing for a uniform distribution of cells
in the construct. As cells migrate and elongate into the gel, they will try to anchor them‐
selves to the collagen fibers, but since the collagen gels are soft, cells will deform the fibril
network causing the gel to compact [35]. If this contraction is controlled by applying a static
constraint in one direction, the gel will contract differentially in the constrained and uncon‐
strained axis. This will result in an anisotropic construct because collagen fibers and cells
will become aligned in the constrained axis [34, 36, 37].

Thomopoulos et al. [28] used fibroblast populated collagen gels that were constrained either
uniaxially or biaxially to evaluate the anisotropy generated in the gel. Uniaxial static strain re‐
sulted in gel contraction in the unconstrained axis and lead to a structural and mechanical ani‐
sotropy.  They found no difference between tendon fibroblasts  and cardiac fibroblasts  in
anisotropy generated in the construct. They also demonstrated that active remodeling of the
gel by cells is not necessary for the development of anisotropy in collagen gel. Indeed, uniax‐
ially constrained collagen gel without cells also become anisotropic. This surprising result
could be explained by the force generated by collagen polymerisation [38]. They also devel‐
oped a mathematical model to predict anisotropy in fibroblast-populated collagen gels [39].
They found that mechanical anisotropy could not be explained solely by collagen fibers align‐
ment, but also take into account the redistribution of collagen fibers upon remodeling, nonaf‐
fine  fiber  kinematics  [40,  41]  and  fiber  lengths.  Costa  et  al.  [42]  also  investigated  the
mechanism of cell and matrix alignment in constrained collagen gels. They constrained fibro‐
blast-containing collagen gels with different shapes (square, triangle and circle) and liberated
one or more of the edges to create anisotropy into the gel. Contrasting with a previous report
of Klebe et al. [43], they showed that fully constrained gels present random cell and matrix ori‐
entation. Nevertheless, on the basis of the results obtained in their study, Costa et al. pro‐
posed that  rather  than aligning along the local  direction of  greatest  tension,  cells  orient
parallel to the local free boundary. An interesting result was obtained with the round shape
constrain. As expected, no alignment were present when gel was uniformly constrained, but
when they cut a central hole in the construct, the gel contracted away from the central hole
and cells aligned in the circumferential orientation. This result is consistent with previous re‐
sults obtained in blood vessel reconstruction in which a collagen gel is contracting around a
central mandrel causing circumferential cell alignment [34]. Grinnell and Lamke [44] cul‐
tured fibroblasts on hydrated collagen lattices. They found that cells reorganized the network
and aligned the collagen fibrils in the plane of cell spreading, becoming more densely packed.
They noted that the lattice has thinned to one-tenth of its original thickness.

Weinberg and bell [45] used collagen gel seeded with bovine cells to produce the first tissue-
engineered blood vessel. This weak construct was supported by a Dacron mesh in order to
sustain physiological pressure. This method was improved later by other groups to enhance
mechanical properties of the collagen gel to get rid of the synthetic material, but those con‐
structs were still too weak to be implanted. L'heureux et al. [34] produced such a tissue-en‐
gineered blood vessel using collagen gel. The gel was made of a mixture of human type I
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and III collagen at a final concentration of 3 mg/ml, it was seeded with human SMCs and
finally casted around a cylindrical mandrel, forming the media layer. The anisotropic strain
generated by the mandrel constraining gel compaction, combined to a manual detachment
of the gel adhesion to the mandrel, caused a progressive circumferential alignment of the
SMC. The same process was repeated to produce the adventitia, using human dermal fibro‐
blast embedded in collagen gel and casted around the media layer. Contrasting with the re‐
sult obtained with the SMC media layer, fibroblasts of the adventitial layer did not get self-
oriented. This type of construct was still too weak to be implanted. This paper also showed
that gel compaction speed is influenced by initial cell seeding concentration in the construct.

Collagen gel has also been used to engineered intervertebral disc. The highly organized an‐
nulus fibrosus which present a cell and matrix alignment, is contrasting with the nucleus
pulposus showing random organization. Bowles et al. [16] isolated cells from both parts of
the intervertebral disc and seeded them into collagen gels. Interestingly, cells kept their ca‐
pacities to become organized or not when cultured in vitro and seeded into collagen gel con‐
structs. Robert Tranquillo published several papers using collagen gel, mostly on
engineered vascular constructs. Some of his work was done using magnetic alignment of fi‐
bers, it will be discussed in the following section. In 1992, they [46] described mathematical
theories to understand the complex coupling of cell and matrix deformation in collagen gel
populated with cells.

Thus, alignment of cells in collagen gel was one of the first cell alignment method applied to
tissue engineering. It is easy to perform, relatively inexpensive and gives interesting results
for specific applications. On the other hand, collagen gel do not show mechanical properties
sufficient for load bearing application such as bone, cartilage, ligament and blood vessels, at
least if it is used alone.

2.2. Electromagnetic field

Electromagnetic field (EMF) can affect multiple aspects of cell behavior and ECM remodel‐
ing. We are always in contact with EMF, either coming from the earth, high voltage lines or
mobile phones [47, 48]. It is still unclear whether EMF are linked or not to health problems
such as cancer, but this hypothesis seems unlikely in most cases [49]. Even if mobile phone us‐
age is probably not linked with brain cancer, the capability of EMF to influence cells and ex‐
tracellular matrix are clearly demonstrated [50-55]. It is therefore crucial to investigate this
relation to first prevent potential deleterious exposure that might lead to health problem and
second, to understand mechanisms and eventually develop novel medical therapies [56-58] as
well as tissue engineering applications [59-63]. When exposed to a strong EMF, collagen, as
well as other biomolecules such as fibrin, will align perpendicularly to the field. This phenom‐
enon is caused by the negative diamagnetic anisotropy of the collagen molecules [64]. This
property causes the polymerisation process to take place in a particular orientation. Tissue en‐
gineers have used this property to produce alignment of ECM scaffolds and cells in different
reconstructed tissues. EMF was also shown to induce orientation of cells, including epithelial
cells [65-67], fibroblasts [65, 68], erythrocytes [69] and osteoblasts [61, 70].
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The tendency of biomolecules to align in an EMF has been demonstrated more than 30 years
ago, but tissue engineering applications have arisen more recently. Strong EMF were pro‐
posed as a method to align fibrin polymer by Torbet et al. [71]. They reported that polymeri‐
sation of fibrin gels under a strong EMF resulted in oriented fibrin polymerisation. They also
speculate right when proposing that this technique could be extended to other polymers
and to living cells as it was done afterward. Twenty-six years later, the same researcher [72,
73] used EMF to align collagen fibers, in order to replicate the physiologic structure of the
corneal stroma. This structure possesses a particular arrangement of aligned collagen fibers
that cross each other orthogonally. This pattern was recreated by cycle of gelation-rotation-
gelation of type I collagen under a 7 Tesla (T) EMF. When corneal fibroblasts, or keratocytes,
are seeded in the construct, they align themselves by contact guidance in the local orienta‐
tion of the scaffold. This technique was used to produce a hemi-cornea, composed of the
stroma and the epithelial layer and showed promising results when grafted on an animal
model [62]. Even if this represents a significant advance in corneal tissue engineering, the
resulting corneal stroma substitute presents a slightly different geometry than native cornea.
In a non-pathological cornea, the arrangement of orthogonal lamellas within the stroma con‐
sist of a mesh of orthogonal collagen lamellas that are woven together in multilayer. This
arrangement provides the cornea with a strong mechanical resistance while remaining a
transparent structure [74-77]. Reproducing this geometry over the normal thickness of the
stroma seems quite difficult using this layer-by-layer technique. Kotani et al [70] studied the
effect of EMF on bone formation and orientation. They have shown that, when exposed to a
strong EMF of 8 T, osteoblasts oriented parallel to the field. In contrast, when osteoblasts
and collagen are mix together, the alignment of both constituents is perpendicular to the
field, as for collagen alone. This supposed that contact guidance is a stronger inducer of cell
alignment than EMF. Two years later, [61] they showed that exposure of mouse osteoblasts
to a strong EMF improved differentiation and matrix synthesis in vitro. They also demon‐
strated that ectopic bone formation in vivo is stimulated by EMF. When pellets of collagen
(1.2 mg/pellet, bovine) containing bone morphogenic protein 2 (5 μg/pellet, human recombi‐
nant) are implanted subcutaneously and exposed to an 8 T EMF, bone formation was exacer‐
bated and aligned parallel to the EMF.

Robert Tranquillo used EMF as a method to align cells and ECM in tissue-engineered con‐
structs [59, 63, 78, 79], with a particular focus on media substitutes. In 1993, Guido et al. [24]
developed a quantitative method to study cells and fibrils orientation when submitted to an
EMF. This method used time-lapse image analysis and live automated birefringence meas‐
urements to quantify this phenomenon. Tranquillo et al. [59] showed that a 4.7 T EMF could
orient collagen fibrillogenesis resulting in a circonferential orientation, in order to create a
media equivalent. Barocas et al. [80] compared four different fabrication conditions for a me‐
dia equivalent composed of SMC embedded in a collagen gel that were either submitted to
EMF and/or mandrel compaction. Compaction of the gel around a central mandrel by SMCs
induced a circumferential alignment of cells and collagen fibers, as demonstrated previously
[34]. Magnetic circumferential alignment was performed prior gel compaction to produce
prealigned gels. When those gels were allowed to contract freely, the circumferential align‐
ment was lost, but when a mandrel was present, the alignment was better than with EMF
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alone. This method can also be used to guide neurite outgrowth of neural cells. Dubey et al.
used collagen [81] and fibrin [82] aligned gel to control outgrowth of neurite. When fibers
were aligned, neurite outgrowths were stimulated and could therefore grow longer than
random aligned controls.

Retrospectively, this method is effective for biological scaffold such as collagen and fibrin,
but to our knowledge, alignment of synthetic materials such as poly(glycolic acid) (PGA) or
poly(D,L-lactide-co-glycolide) (PLGA) has not been performed yet. This technique requires
a special apparatus capable of generating a strong EMF. Cell viability does not seem to be
affected by EMF, allowing for a uniform cell distribution in the construct.

2.3. Electrospun nanofiber

Electrospinning of nanofibers is an interesting approach to produce scaffold for tissue engi‐
neering [83-89]. This technique can be used to produce aligned scaffold that will dictate cell
elongation by contact guidance [90]. The process of producing polymer microfiber using
electrostatic forces was patented in 1934 by Formhals [91] but tissue engineering applica‐
tions such as musculoskeletal [92] and vascular [93] has been developed recently. Electro‐
spinning can be performed with simple setup consisting of a syringe pump, a high voltage
source, and a rotating collector [85]. Precise description of the different possible setups and
techniques have been reviewed in details previously [94]. Briefly, a polymer solution is
hanging at the tip of a syringe needle by surface tension. When an electric current is applied,
EMF results in charge repulsion within the polymer solution, causing the initiation of a jet.
Solvent evaporate while jet is traveling, resulting in polymerisation into fibers, which are
captured by a collector [94]. Depending on settings and polymers used, those fibers can
range from 3 nm to greater than 5 μm in diameter [95]. This technique has been used to en‐
gineer many types of scaffolds for tissue engineering [90] including synthetic polymer such
as poly(D,L-lactide-co-glycolide) (PLGA) [96], poly-(ε-caprolactone) (PCL) [97], 50:50
poly(L-lactic acid-co-ε-caprolactone) (PLCL) fibers [98], or natural polymer such as collagen
[99] or fibrin [100] for various tissue applications. It is also possible to create composite scaf‐
folds by spinning different polymer solution either together or consecutively on the same
target. Due to the great plasticity of the technique, it is simple to engineer different patterns
to guide cell fate in the desired direction. In order to do so, a rotating mandrel can be used
to collect the fiber, resulting in aligned nanofibers [101].

Jose et al. [102] developed an aligned nanofibrous scaffold for bone tissue engineering. This
scaffold is a nanocomposite copolymer of PLGA and nano-hydroxyapatite (HA). Fiber di‐
ameters, glass transition temperature, storage modulus and degradation rate were charac‐
terized for different concentration of nano-HA from 0 to 20%. Briefly, average fiber
diameters were augmented from 300 nm for PLGA to 700 nm for 20% nano-HA but formed
aggregate at those high concentration. Fiber alignment capability was not influenced by
nano-HA concentration. Mechanical properties of the composite material were modulated
by nano-HA concentration, it acted as a reinforcement agent at lower concentration (1% and
5 %) but induced defects in the structure at higher concentrations (10 % and 20 %). Influen‐
ces were also seen in degradation rate and storage modulus. In order to show cell compati‐
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bility, a collagen component was added to the PLGA (20:80) [103], and human mesenchymal
stem cells (MSCs) were used for the demonstration. Thomas et al. [104] investigated the ef‐
fect of rotation speed on scaffold alignment, mechanical properties and morphologies. They
used a nanofibrous mesh of PCL collected at zero, 3,000 and 6,000 rpm for bone tissue engi‐
neering. When the collector rotation speed is increased, more aligned fibers were produced.
This resulted in a modification of the morphology and mechanical properties of individual
fibers and of the resulting scaffold. Interestingly, the hardness and Young’s modulus of indi‐
vidual fibers were diminished while increasing rotation speed, but opposite results were ob‐
tained when the whole resulting scaffold was analysed. Ultimate tensile strength of the
scaffold in the axis of alignment rises from 2.2 to 9.6 MPa when rotation speed was in‐
creased from 0 to 6,000 rpm. This result could be explained by increasing fiber alignment
and packing as well as a decrease in inter-fiber pore size when rotation speed is increased.
Li et al. [92] performed a similar study on rotation speed. They used electrospun aligned
nanofibrous scaffold to control anisotropy into tissue-engineered musculoskeletal con‐
structs. Their scaffolds were also made of a biodegradable PCL polymer, casted on a rotat‐
ing target to align fibers. Increasing the rotation speed of the shaft from 0 to 9.3 m/s (0 to
7,000 rpm) produced more aligned fibers, to a maximum of 94 % of fibers aligned within a
20° angle range, at maximum speed. Alignment of the ECM leads to an increase in the iso‐

Figure 1. Schematization of an electrospinning setup. The polymer solution is positively charged while the rotating
mandrel is negative. The solution is pushed through the nozzle at constant speed. The solvent evaporates while the jet
is travelling, resulting in fibers formation.
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tropic tensile modulus ranging from 2.1 MPa for unaligned controls to 11.6 MPa for the
aligned substrate at 9.3 m/s. Human MSCs and meniscus fibrochondrocytes, seeded on these
aligned scaffolds, attached and elongated in the fibers direction. It is also possible with this
technique to produce successive layers at different angles by changing the rotation vector.

Teh et al. [105] produced a silk fibroin (SF) hybrid scaffold for ligament regeneration. Silk is
an interesting material for tissue engineering, but the hyper-allergenic sericin component
must be removed. It has an interesting degradation rate and show remarkable mechanical
properties. Silk was previously used to culture fibroblasts and keratinocytes [106]. The new
design proposed by Teh et al. is composed of a bilayered SF, contained a knitted SF fibrous
mesh layer and an aligned SF electrospun fibers cast on rotating rods. This construct was
seeded with MSCs before rolling it into a cylindrical ligament analog. They found that MSCs
differentiation into ligament fibroblast was enhanced by the alignment of the fibers. This re‐
sulted in an improvement of tensile properties from 125 to 158 N after 14 days and in an
increase of ligament-related protein levels such as collagen I and III as well as Tenascin-c.
Xu et al. [93] produced an aligned polymer nanofibrous scaffold for blood vessel reconstruc‐
tion. They used a biodegradable copolymer of poly(L-lactid-co-ε-caprolactone) [P(LLA-CL)]
(75:25), aligned using a rotating disc. They demonstrated that human coronary SMCs elon‐
gated and migrated in the direction of the fibers and express a spindle-like contractile phe‐
notype with better adherence and proliferation than on control polymer. Yang et al. [107]
used a fibrous scaffold to guide neural cells. They used mouse neural stem cells seeded in a
poly(L-Lactic acid) (PLLA) nano/micro fibrous scaffolds made by electrospinning. By using
two different concentrations of the PLLA solution, 2% and 5%, they were able to cast nano‐
fibers of 150 to 500 nm and microfibers of 800 to 3000 nm, respectively. They have shown
that cell elongation and neurite outgrowth is parallel to fiber's direction. They found that the
differentiation of neural precursor cells was higher on nanofibers than on microfibers but in‐
dependent of cell alignment.

Collagen scaffold produced by electrospinning was done by Matthews et al. [108]. In this pa‐
per, they set the basis for electrospinning of collagen fibers for tissue engineering applica‐
tion by varying different parameters (collagen source and concentration, solvent, input
voltage). With optimal conditions found in this study, they obtained a matrix containing col‐
lagen fibers of 100 nm of diameter that exhibited a 67 nm banding pattern, characteristic of
native collagen fibers. They cultured aortic SMCs into this collagen scaffold and obtained
uniform distribution of cells into the construct. Zhong et al. [109] went further with collagen
nanofibrous scaffolds for fibroblast culture. They used calf skin type I collagen, at 80 mg/ml,
electrospunned over a wheel rotating at 15 m/s and formed fibrils of 180 nm, which is small‐
er than the unaligned ones that have an average diameter of 250 nm. They treated their col‐
lagen construct with glutaraldehyde vapor (30%) to enhance the biostability of the scaffold.
After seeding the construct with rabbit conjunctiva fibroblasts, they measured cell adhesion,
proliferation, morphology and interaction with the scaffold. In addition to cell alignment,
they noted a lower cell adhesion but higher cell proliferation on aligned constructs.

Given that electrospinning is a versatile technique to produce aligned ECM for tissue engi‐
neering, by modifying the casting parameters (rotation speed, input voltage, distance from
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differentiation into ligament fibroblast was enhanced by the alignment of the fibers. This re‐
sulted in an improvement of tensile properties from 125 to 158 N after 14 days and in an
increase of ligament-related protein levels such as collagen I and III as well as Tenascin-c.
Xu et al. [93] produced an aligned polymer nanofibrous scaffold for blood vessel reconstruc‐
tion. They used a biodegradable copolymer of poly(L-lactid-co-ε-caprolactone) [P(LLA-CL)]
(75:25), aligned using a rotating disc. They demonstrated that human coronary SMCs elon‐
gated and migrated in the direction of the fibers and express a spindle-like contractile phe‐
notype with better adherence and proliferation than on control polymer. Yang et al. [107]
used a fibrous scaffold to guide neural cells. They used mouse neural stem cells seeded in a
poly(L-Lactic acid) (PLLA) nano/micro fibrous scaffolds made by electrospinning. By using
two different concentrations of the PLLA solution, 2% and 5%, they were able to cast nano‐
fibers of 150 to 500 nm and microfibers of 800 to 3000 nm, respectively. They have shown
that cell elongation and neurite outgrowth is parallel to fiber's direction. They found that the
differentiation of neural precursor cells was higher on nanofibers than on microfibers but in‐
dependent of cell alignment.

Collagen scaffold produced by electrospinning was done by Matthews et al. [108]. In this pa‐
per, they set the basis for electrospinning of collagen fibers for tissue engineering applica‐
tion by varying different parameters (collagen source and concentration, solvent, input
voltage). With optimal conditions found in this study, they obtained a matrix containing col‐
lagen fibers of 100 nm of diameter that exhibited a 67 nm banding pattern, characteristic of
native collagen fibers. They cultured aortic SMCs into this collagen scaffold and obtained
uniform distribution of cells into the construct. Zhong et al. [109] went further with collagen
nanofibrous scaffolds for fibroblast culture. They used calf skin type I collagen, at 80 mg/ml,
electrospunned over a wheel rotating at 15 m/s and formed fibrils of 180 nm, which is small‐
er than the unaligned ones that have an average diameter of 250 nm. They treated their col‐
lagen construct with glutaraldehyde vapor (30%) to enhance the biostability of the scaffold.
After seeding the construct with rabbit conjunctiva fibroblasts, they measured cell adhesion,
proliferation, morphology and interaction with the scaffold. In addition to cell alignment,
they noted a lower cell adhesion but higher cell proliferation on aligned constructs.

Given that electrospinning is a versatile technique to produce aligned ECM for tissue engi‐
neering, by modifying the casting parameters (rotation speed, input voltage, distance from
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target, dimension of the tip) or the composition of the solution (type of polymer, solvent,
concentration) it is possible to produce different structures in terms of fiber diameters and
composition. It is also possible to cast successive layers with different orientations to obtain
a complex scaffold. This technique will certainly be perfected in the future using computer‐
ized and robotized set-up to produce reproducible and complex scaffolds for various tissue
engineering applications.

2.4. Microstructured culture plates

As explained above, topographic guidance is the process by which cells respond to the par‐
ticular arrangement of their environment by modifying their shape and migration vectors
[110]. In vivo, cell environment is composed mostly of native collagen molecules and pro‐
teoglycans, in vitro, researchers tried to mimic the cues given by proteins to influence cell
fate. Those cues can come from different structures resembling or not collagen molecules
and have been discuss in previous pages. In the following section, it is the very structure of
the culture plate that dictates the organization of cells. To do so, gratings of various dimen‐
sions and shapes are created by various methods into a cell-compatible plastic and cells are
seeded over it.

Among the different methods to create and control the type and the shape of the guiding
structures, there are very interesting and versatile approaches using microfabrication proc‐
esses analog to the ones developed by the microelectronic industry [111, 112].

Structures with features ranging from nano- to tens of microns scale matching both the ECM
proteins or cells dimension can now be created. These techniques can be adapted to different
polymers for various applications and use either polymer casting, micromachining or thermo‐
forming. This section will focus on the most common process that uses photolithography and
hot embossing as an example. Briefly, a pattern is printed in chromium on a quartz plate to
form the mask for photolithography. A photoresist is poured over a silicon plate and exposed
to UV light under the mask. The resist is then developed in organic solvent to reveal the pat‐
tern and obtain the first wafer (master). This master wafer is then replicated in a polydime‐
thylsiloxan (PDMS) mold that is cured into the silicon wafer. PDMS can be used for cell
culture or be replicated on another substrate. In order to replicate it, hot embossing with an in‐
termediate epoxy wafer is used to finally obtain the desired pattern in the chosen polymer.

Numerous types of materials could be used for the final cell culture step. Polystyrene is an
interesting material due to its great biocompatibility, being used regularly for cell culture
flask [113]. Teixeira et al. [114] have shown that corneal epithelial cells take an elongated
shape and aligned themselves along with grooves and ridges as small as 70 nm. They tested
various lengths of grooves and ridges to show that cell alignment is similar from 70 nm to
850 nm ridges but is reduced with 1900 nm ridges. Those lengths were chosen to match the
approximate dimension of the basement membrane features. In another paper [115], they
showed similar results using corneal stromal fibroblasts (keratocytes). They obtain 70% of
aligned fibroblasts with pitch (sum of groove and ridge) larger than 800 nm where as few as
35% of epithelial cells were aligned in the features direction. This is a logical result consider‐
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ing how fibroblastic cells elongate and migrate more than epithelial cells, they are therefore
more prone or easy to align.

Figure 2. A) Atomic force microscopy of a sample used for replica molding. The master wafer represents the inverse
(the negative) of the final results in polystyrene. B) Smooth muscle cells on a microstructured substrate of grooves (1
um) and ridges (4 um) after 1 day of culture. Cells are elongated in the direction of the microstructured pattern. C-D)
Human dermal fibroblasts (GFP+) cultured on the same microstructured substrate (C) or on flat plastic (D) after 1 day.

Isenberg et al. [116] cultured SMCs on 50 μm wide and 5 μm deep gratings. They used a
combination of photolithography and hot embossing [117] to reproduce patterns of ridges
and grooves on polystyrene substrate coated with a thermoresponsive polymer, poly(N-iso‐
propylacrylamide) (PIPAAm) compatible with cell culture [118]. They seeded human aortic
SMC on these microtextured culture substrates and allow them to form cell sheets. At room
temperature, the cell sheet spontaneously detach from the culture substrate and can be ma‐
nipulated. In this paper, they have shown that cells elongated and migrated in the direction
of the grooves but did not evaluate mechanical or structural anisotropy. In 2012, [119] they
tested those parameters and showed mechanical anisotropy in the resulting media layer that
mimic the organization of the native vessel.
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Guillemette et al. [23] used photolithography and hot embossing to create a pattern of ridges
and grooves (4 μm wide, 500 nm deep) in a thermoplastic elastomer, the styrene-(ethylene/
butylene)-styrene block co-polymer (SEBS) [120]. Aligned sheets of SMCs, dermal fibroblasts
and corneal fibroblasts were produced using the self-assembly or cell sheet engineering ap‐
proach [121, 122]. All three cell types aligned in the direction of the long axis of the ridges
and grooves, for the cells in direct contact with the substrate. Cells grown with ascorbic acid
produced ECM and formed tissues comprising many cell layers [119]. Interestingly, supra‐
basal cell layer that is in contact with the first cell layer aligned themselves with a shift angle
from the previous layer characteristic of the cell type. Guillemette et al. [123] used a combi‐
nation of micromolding and laser microablation to culture cardiac muscle cells. A pattern of
grooves and ridges was designed so that wide grooves could be ablated using a laser to cre‐
ate a porous mesh for cardiac cells to grow. Two different pore shapes were studied, square
pores and rectangle pores to increase anisotropy. It was shown that square holes are less ef‐
fective than rectangle holes in aligning cells within the long axis, and that the combination
of rectangle holes and grooves gives better alignment than rectangle holes alone. This dem‐
onstration pertains to the classic action of cell alignment on an ECM, and improvement of
cell functionality as an end result.

2.5. Mechanical strain

Many cells in the human body are subjected to mechanical stress that dictates their pheno‐
type and orientation. This adaptive process starts within the embryo, but is driven by stress
and controlled by morphogen gradients or other cues still to be identified. Mechanical stress
is probably an inducer for some cell alignment, such as in vasculogenesis [124].

Cell alignment, induced following compaction of collagen gel around a mandrel [34], is
driven by mechanical strain anisotropy. For blood vessel reconstruction, a circumferential
constraint causes cell and ECM to align circumferentially, as long as the scaffolding gel
could move freely in the longitudinal direction. Nevertheless, there is a particular interest in
applying mechanical stimulation to different tissue-engineered constructs including vessel,
bone, cartilage and ligament, for the induction of alignment and maturation.

Mechanical strain, as a method to align cells and matrix in order to improve functionali‐
ty, was extensively used in vascular tissue engineering. Mostly via transluminal pressuri‐
sation  or  via  a  circulating  medium  in  a  specifically  designed  bioreactor.  It  has  been
shown by Kanda et al.[125] that a dynamic deformation of 5% at 60 Hertz of a ring of col‐
lagen gel containing SMCs will cause cells and ECM to align in the circumferential direc‐
tion.  Niklason  et  al.  [126]  has  shown  that  vascular  substitutes,  made  using  a  PGA
scaffold, submitted to pulsed flow for weeks improved mechanical properties, resulting in
a burst pressure of more than 2000 mmHg. In this study, cell and matrix alignment was
not investigated. Nerem's team has shown that collagen gels present improved mechani‐
cal properties and circumferential alignment of the ECM when submitted to a cyclic de‐
formation  of  10%  at  1  Hz  frequency  [127]  and  this  process  was  driven  by  the  ECM
remodeling by matrix metalloproteinase 2 [128-130]
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Grenier et al. [131, 132] demonstrated that SMCs sheets produced by self-assembly [26, 121,
133] can undergo collagen reorganization following an uniaxial static stretch. More recently,
Gauvin et al. [134] extended this experiment using human dermal fibroblast sheets with dy‐
namic stimulation. Constructs were subjected for 3 days to either a static strain of 10%, or a
dynamic mechanical stimulation of 10% at 1 Hz. As expected, cells and ECM aligned in the
strain axis when submitted to either static or dynamic mechanical stimulation. Ultimate ten‐
sile strength and tensile modulus were increased in dynamic mechanical stimulation as
compared to unstrained controls and to static strain. Therefore, it demonstrated that me‐
chanical stimulation contributed to establishment of anisotropy in the structure and im‐
proves mechanical properties of cell sheet based constructs.

Isenberg et al. [135] evaluated the effects of mechanical strain on media equivalent with an
experimental design that isolate its effect from other confounding factors such as gel com‐
paction, creep fatigue and fiber alignment. Therefore, they waited 2 weeks for gel compac‐
tion to stabilize, used ribose cross links to fix fiber orientation and to prevent creep
deformation. Finally, they placed the construct on distensible latex tubing in a custom de‐
signed chamber to produce a pure circumferential strain. They found that modulus and ulti‐
mate tensile strength were augmented when the constructs were stimulated for 5 weeks (no
change at 2 weeks), at 5% strain, 0,5 Hz and 12.5% duty cycle. Therefore, they demonstrated
that independently of the effect on cell and ECM alignment, mechanical strain increased the
mechanical properties of collagen based media substitutes.

Figure 3. Design of a bioreactor for mechanical strain stimulation of tissue-engineered cylindrical constructs. The cul‐
ture medium is pumped from the medium reservoir, which is vented through a 0.22 µm sterile air filter, with a com‐
puter controlled peristaltic pump. The stimulator is composed of a computer-controlled piston that can generate a
cyclic strain in the vessels. The pressure transducer monitors the variation in pressure. The pressure valve ensures an
adequate pressure to be built in the vessels. Such devices are commercially available.
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2.6. Other techniques

There are other techniques that have been developed to align cells and ECM that were not
discussed yet. Some of these techniques were too specific or not enough common to give
them a complete section, however a quick overview of some of these methods will be given
below.

The first method that will be discussed in this section is shear stress. This force is of great
importance for blood vessels where it dictates the longitudinal alignment of endothelial
cells. This longitudinal configuration is really important for cell function and disturbance in
blood flow cause the alignment to be lost. In vessel branching for example, it is associated
with endothelial dysfunction, atherosclerosis development and thrombus formation [136].
This capability of endothelial cells to sense the shear stress and align themselves in response
to the stimuli rely on specialized cell component called primary cilia [137-139]. This capabili‐
ty can be reproduced in vitro using either a laminar flow chamber [140, 141] or a bioreactor
for transluminal flow, either on reconstructed [121] or native [142] endothelium. To induce
an alignment response of endothelial cells in vitro, it is important to take into account the
parameters that influence the resulting shear stress on endothelium. Those parameters are:
vessel section surface, fluid flow and fluid viscosity. Alignment of endothelial cells is influ‐
enced by wall shear stress intensity, exposure time and turbidity [110].

A second method, also dependant on shear, was recently developed by McClendon et al.
[143] and takes advantage of the biocompatibility of the peptide amphiphile (PA) [144, 145]
to produce circumferentially aligned tubes acting as scaffold for arterial tissue engineering.
The PA is contained in a liquid crystalline solution that form aligned domains that can be
trapped in a gel showing macroscopic alignment by applying low shear rates and ionic
crosslink. The interesting point about this technique is the possibility of incorporating cells
while forming the scaffold, allowing for full cell penetration into the culture substrate.
Therefore, they encapsulated SMCs into their construct and showed that cells proliferated
and aligned themselves in the direction of the scaffold, without depending on external stim‐
uli or gel compaction.

Another method for cell alignment is by printing a protein pattern on a culture surface. Cells
seeded on these surfaces will adhere and migrate preferentially on the printed pattern re‐
sulting in an aligned culture. Thakar et al. [146] used this technique to align vascular SMCs
on collagen strip of various width, in order to investigate the relationship between morphol‐
ogy and function of these cells. This interesting technique is difficult to use in a tissue engi‐
neering perspective because cells will gradually invade the unprinted region of the surface
and therefore alignment of cells will be gradually lost over time.

3. Discussion

The field of tissue engineering has moved forward at great speed in the last two decades, as
shown by the rapid augmentation of the number of publication with the terms “tissue engi‐
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neering” on Pubmed. Researchers have built models for in vitro testing and substitutes that
work well within different animal models. On the other hand, there are only a few tissue
engineering products that have been tested in humans and even fewer that have moved on
as FDA approved product for the market. The words “tissue engineering” allowed retrieval
of 46 records on clinicaltrials.gov at the end of august 2012. Beside complications regarding
regulatory affairs to get a product accepted, falling in a category between medical device
and pharmaceutical drugs [147, 148], some substitutes failed to show adequate mechanical
properties to do the job right. Creating more physiological substitutes by recreating the ge‐
ometry of native ECM and cells is a quite interesting way to improve resistance without in‐
troducing a new material or create a thicker construct.

In this chapter, some of the existing techniques that have been published to produce tissue-
engineered constructs showing a customised geometry were reviewed. Most of these techni‐
ques have been developed for other applications, and adapted later for tissue engineering.
Alignment of collagen fibers in collagen gel constrained uniaxially is probably the oldest
one, it is a quite simple technique where cell align themselves in the axis of the constraint.
This model has been combined with EMF alignment of biomolecules, a more complex tech‐
nique that direct ECM assembly in a desired orientation. Electrospun nanofibers are becom‐
ing more popular in the field and the simple modification of adding a rotating target make it
an interesting technique for ECM alignment. The recent advances in microfabrication have
made it easy to produce the custom culture substrates that present nanoscale structures at
the ECM level. While contact or topographic guidance has been studied quite a while ago,
this capability of cells to align themselves in the direction of grooves and ridges of certain
dimension is interesting for tissue engineering applications, especially with cell sheet engi‐
neering. Finally, mechanical strain is a strong inducer of cell alignment that dictates the ge‐
ometry of cells in our body. This technique is of great interest for load bearing applications
such as cartilage, bone or vascular tissue engineering. Each of the technique mentioned
above have advantages and drawbacks, and some of them are dependent on the type of tis‐
sue desired.

Constrained collagen gel compaction is a simple technique that is compatible with cell seed‐
ing prior gelation, allowing for a uniform cell distribution throughout the construct. On the
other hand, collagen gel presents poor mechanical properties, making them unsuitable for
load bearing applications such as vascular tissue engineering. The development of hydro‐
gels has helped to partially overcome this problem [29]. Alignment of ECM and cells in EMF
is an effective technique but it necessitate state-of-the-art apparatus, not commonly available
in a lab, in order to generate an EMF between 4 T and 8 T. As for collagen gels, cells can be
added into the solution to have a uniform cell distribution. This technique seems to be re‐
stricted at this time to biomolecules, therefore limiting its application field. It can be com‐
bined with controlled collagen gel compaction to produce a more potent alignment.
Electrospinning of polymer fibers is a very interesting technique that can be applied to a lot
of different kinds of polymers by simply modifying the parameters of casting. This techni‐
que is particularly effective for tubular constructs since using a cylindrical mandrel as the
target will directly create the desired construct. However, it is not possible to seed cells
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while casting the construct. Therefore, cells will need to penetrate the construct on their
own, causing cell distribution to be potentially non homogenous if the construct is too thick
or not enough porous to allow for cell migration. Microstructured culture plate is an effec‐
tive technique, especially for cell sheet engineering or self-assembly. This approach relies on
the capacity of cells to secrete and organize ECM. When grown on structured substrate, cells
will align the extracellular matrix in the direction of the grooves. With this technique, it is
possible to create complex design of cell alignment by modifying the surface topography.
This is the only method described here that does not rely on a pre-existing scaffolding mate‐
rial. On the other hand, producing those cell culture substrates is long and costly, needing
access to a microfabrication clean room containing expensive apparatus. Mechanical strain
can be applied by a number of different setups depending on the construct type. This techni‐
que is effective to align the whole construct in a preferred direction, but complex patterns
cannot be created. The cost of this technique depends on the setting that could be computer-
controlled or not. Mechanical stress must be precisely controlled since a strain that would be
too strong could lead to creeping of the construct or affect cell viability or ECM integrity.

4. Conclusion

The future of tissue engineering relies on the production of more complex structures, com‐
posed of many cell types that will interact together. In order to do so, cells must be assem‐
bled together in a structure that mimics their native microenvironment. Techniques to align
and organize scaffolds will continue to go forward and new technologies will arise, pushed
by the constant need for tissue-engineered constructs for organ transplantation.
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1. Introduction

Regenerative medicine is based on advanced and applied biomaterials science. Biomaterials
have a major impact on the patient cure for improving the quality of life. We have been chal‐
lenging to develop bioabsorbable dentin materials (Murata et al, 2011; Murata et al, 2012),
harmonized with bone remodelling, by using the supersonic and acid-etching technology
(Akazawa et al, 2012).

While human bone autograft was done in 19th century, human dentin autograft for bone
augmentation was reported in IADR 2003. The first clinical case was a sinus lifting using au‐
to-dentin for bone augmentation (Murata, 2003). Dentin is acellular matrix, while bone in‐
clude osteocytes. Very interestingly, biochemical components in dentin and bone are almost
simillar. They consist of body fluid (10%), collagen (18%), non-collagenous proteins (NCPs:
2%) and hydroxyapatite (HAp: 70%) in weight volume (Fig. 1). Demineralized dentin matrix
(DDM) and demineralized bone matrix (DBM) are mainly type I collagen with growth fac‐
tors such as bone morphogenetic proteins (BMPs) (Urist, 1965) and fibroblast growth factors
(FGFs) (Fig. 2) (Butler et al.,1977; Murata et al, 2010a,b).

Korea Tooth Bank (KTB) was established in Seoul 2009 for an unique service of tooth-derived
graft materials. The medical service system is the preparation and delivery of the tooth-de‐
rived materials on demand (Kim et al,2010; Kim et al, 2012). The tooth-derived materials were
named as auto-tooth graft materials, which divided into the block-type and powder-type (Park
et al., 2010). The block-type material, which is hydrated in 0.9% NaCl solution for 15-30 min be‐
fore use, can be cut by operators with surgical knife or scissors. Recently, the enamel-dentin
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grafting has been becoming a realistic alternative to the bone grafting in Korea. We have
thought the non-functional teeth as native resources of various graft materials and have ach‐
ieved the medical recycle of patient-own teeth as novel materials for bone regeneration in Ja‐
pan and Korea. This matrix-based bone therapy is Dental Innovation early in 21st century. Our
innovative technique will expand from East Asia to the world.

BMPs, FGFs: matrix-binding proteins in NCPs. OCN: mineral-binding proteins in NCPs; Collagen: mainly type I collagen

Figure 1. Chemical components (w/v%) of human dentin and bone;

2. Biochemistry of human dentin

Dentin and bone are mineralized tissues and almost similar in chemical components. They
consist of body fluid, collagen, non-collagenous proteins (NCPs) and hydroxyapatite (HAp)
in weight volume (Fig. 1). The NCPs in dentin and bone are secreted into the ECM in the
process of biomineralization. The category is termed the SIBLING (Small Integrin-Binding
Ligand, N-linked Glycoprotein) family that includes dentin sialophosphoprotein (DSPP),
dentin matrix protein 1 (DMP1), bone sialoprotein (BSP) and osteopontin (OPN) (Fisher et
al, 2001; Qin et al, 2007; Sun et al, 2010; Qin et al, 2011).
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Both DDM and DBM are composed of predominantly type I collagen (95%) and matrix-
binding proteins such as BMPs (Murata et al., 2000; Akazawa et al., 2006; Murata et al.,
2007). BMPs, transforming growth factor-beta (TGF-β), insulin growth factor-I (IGF-I) and
IGF-II were detected in human dentin (Finkelman et al., 1990). In the rabbit study, complete‐
ly demineralized dentin matrix induced bone in the muscle at 4 weeks, while calcified den‐
tin induced bone at 8-12 weeks after implantation (Yeoman & Urist, 1967; Bang & Urist,
1967). Many researchers made effort to discover dentin-derived BMPs. (Butler et al., 1977;
Urist et al., 1982; Kawai & Urist., 1989; Bessho et al., 1990). In our study, human DDM and
human DBM induced bone and cartilage independently in the subcutaneous tissues at 4
weeks (Murata et al, 2010b). These results indicated that highly calcified tissues such as cort‐
ical bone and calcified dentin are not earlier in osteoinduction and osteoconduction than
spongy bone, DBM, and DDM. The delayed inductive properties of the calcified dentin and
bone may be related to the inhibition of BMPs-release by HAp crystals (Huggins et al., 1970).

a: wet granules, b,c,d: SEM of DDM granule. Note: dentinal tubes

Figure 2. Crushed tooth granules and SEM photos of demineralized dentin matrix (DDM)

Autograft of Dentin Materials for Bone Regeneration
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DDM is defined as an acid-insoluble dentin collagen that is absorbable, but hard to digest in
human body (Fig. 2). DDM is acellular biomatrix with the micro-tube structure. DDM and
DBM possess the ability to coagulate blood plasmas (Huggins & Reddi., 1973). The coagula‐
tion action of blood plasma by DDM should become advantageous for surgical operations.

Dentin formation is a dynamic and complicated process, involving interplays among a num‐
ber of molecules including type I collagen, NCPs and prtoteoglycans, which work collective‐
ly to precisely control the site and rate of apatite formation. Type I collagen secreted by
odontoblasts forms the scaffold, upon which HAp crystals are deposited. In addition to type
I collagen, the extracelluar matrix contains a number of NCPs which play critical roles in the
initiation and regulation of HAp crystals (Qin et al., 2011).

3. Clinical study of human dentin

3.1. Case 1: Bone augmentation, 17 year-old female

Patient: A 17-year-old female presented with missing teeth (#11). Clinical and radiological
examinations revealed atrophied bone and fractured root residue in the region (Fig. 3a,b).
Her medical history was unremarkable.

Surgical procedure 1: Four wisdom teeth were extracted for the preparation of tooth-de‐
rived materials (block-type, powder-type).

Preparations of dentin materials: The extracted molar was divided into the crown portion
and the root portion. The crown portion was crushed under the cooling. The crushed gran‐
ules were decalcified in 0.6N HCl solution, rinsed in cold distilled water and freeze-dried.
On the other hand, the root portion was perforated by using a round bar to create a porous
structure. The root with many holes was decalcified in 0.6N HCl solution, rinsed and freeze-
dried. These biomaterials are named as auto-tooth bone (ATB) by KTB.

Surgical procedure 2: This patient-own blood sample was centrifuged and the middle layer
was collected as fibrin glue (so called concentrated growth factors: CGF) (Fig. 4a,b). The dif‐
ferent ATB materials were immersed in 0.9% NaCl solution before use (Fig. 4c). Additional‐
ly, ATB granules were mixed with the fibrin glue (CGF) prepared from autologous blood
(Fig. 4d,e). The root-dentin material was divied into 2 parts by using a knife. A titanium fix‐
ture (Nobel Replace Tapered NP: 16mm) was implanted into the atrophied bone under local
anesthesia (Fig. 3c,d). The root-dentin wall was grafted into the bone defect (fixture-exposed
region) as veneer graft (Fig. 4f). The composite of ATB and fibrin contributed to the attach‐
ment between the grafted root-dentin and the muco-periosteal flap (Fig. 5a,b,c).

Results and discussion: This patient was successfully restored with the dental implant and
the autograft of 2 types of ATB (root-on, powders) with autologous fibrin glue (Fig. 5d).
Properly hydrated ATB should facilitate its adaption to the bone defect due to its elasticity
and flexibility. The results demonstrated that autogenous tooth could be recycled as the in‐
novative biomaterials.
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a: intraoral initial view (before operation), Note: a missing tooth (#11) b: X-ray photo, Note: radio-opacity of residual
root c: exposed bone, Note: concave shape d: view just after Ti. fixture implantation, Note: labial bone defect

Figure 3. Case 1: Auto-tooth bone graft for implant placement, 17 year-old girl;

a: blood after centrifugation, Note: 3 layers b: fibrin glue; middle layer in 4a c: wettable ATB materials (block-type ⇩,
powder-type) d,e: composite of powder and fibrin glue f: covering with block-type of dentin

Figure 4. Case 1: Auto-tooth bone (ATB) graft for implant placement, 17 year-old girl
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a:  fibrin  glue  including ATB powders  (⇦)  b:  repositioned flap.  Note:  suture  with  nylon c:  X-ray  photo  just  after
operation d: final view after prosthetic restoration

Figure 5. Case 1: Auto-tooth bone graft for implant placement, 17 year-old girl

3.2. Case 2: DDM onlay graft and tooth autograft, 25 year-old female

Patient: A 25-year-old female presented with missing teeth (#46). She lost the first molar
about 12 years ago. A clinical examination revealed an atrophied bone in the region. Her
medical history was unremarkable.

Surgical procedure 1: A non-functional vital tooth (#28) was extracted and immediately
crushed with saline ice by our newly developed tooth- mill (Osteo-Mill®, Tokyo Iken Co.,
Ltd) at 12000rpm for 30 sec (Fig. 6) (Patent: 4953276). Briefly, vessel and blade were made in
ZrO2. The crushed tooth-granules were decalcified in 2% HNO3 solution for 20 min (Murata
et al., 2009). The DDM granules including cementum were rinsed in cold distilled water.
Cortical perforations were performed in the atrophied bone, and DDM were immediately
autotransplanted on the perforated bone under local anesthesia.

Surgical procedure 2: At 4 months after the first operation, a non-functional vital tooth (#18)
was extracted and received the immediate root canal filling (RCF), using a new fixation de‐
vice (Fig. 7). The device was developed for tooth transplantation and replantation (Patent:
4866994).
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Patient: A 25-year-old female presented with missing teeth (#46). She lost the first molar
about 12 years ago. A clinical examination revealed an atrophied bone in the region. Her
medical history was unremarkable.

Surgical procedure 1: A non-functional vital tooth (#28) was extracted and immediately
crushed with saline ice by our newly developed tooth- mill (Osteo-Mill®, Tokyo Iken Co.,
Ltd) at 12000rpm for 30 sec (Fig. 6) (Patent: 4953276). Briefly, vessel and blade were made in
ZrO2. The crushed tooth-granules were decalcified in 2% HNO3 solution for 20 min (Murata
et al., 2009). The DDM granules including cementum were rinsed in cold distilled water.
Cortical perforations were performed in the atrophied bone, and DDM were immediately
autotransplanted on the perforated bone under local anesthesia.

Surgical procedure 2: At 4 months after the first operation, a non-functional vital tooth (#18)
was extracted and received the immediate root canal filling (RCF), using a new fixation de‐
vice (Fig. 7). The device was developed for tooth transplantation and replantation (Patent:
4866994).
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After the bone biopsy for the tissue observation and the preparation of transplated cavity,
tooth autograft was carried out into the host bone (Fig. 8a,b,d).

Results and discussion: The biopsy tissue showed that DDM granules were received to
host, and partially replaced by new bone (Fig. 8e). This case was onlay graft of DDM on per‐
forated cortical bone (Murata et al, 1999; Murata et al, 2000). Though RCF is generally car‐
ried out at more than 4 weeks after tooth transplantation, we did immediate RCF, using the
medical device. This patient was successfully restored with her own 2 teeth. This case was
the immediate tooth autotransplantition with the immediate root canal filling at 4 months
after DDM autograft in 2009.

a: mill, b: tooth with ice blocks, c: ZrO2 vessel, d: crushed tooth, e: DDM granules before clinical use.

Figure 6. Preparation of DDM using automatic tooth mill (Osteo-Mill®, Tokyo Iken)
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a: whole view, Note: the device developed for tooth transplantation and replantation b: fixed tooth, Note: corre‐
spondence to all teeth c: crown treatment, Note: periodontal ligament tissue protected from infected fine particles d:
root view, Note: keeping blood even after cutting and root canal filling

Figure 7. New device for protecting periodontal ligament cells (Mr.FIX®, Tokyo Iken)

a: initial X-ray photo: missing tooth (#46) and atrophied bone. Non-functional tooth (⇦) for DDM b: just after DDM
graft. Non-functional tooth (⇨) for next tooth autograft c: tooth auto-transplantation at 4 months after DDM graft d:
DDM autograft on perforated cortical bone before suture e: biopsy: mature bone connected with DDM residue (HE
section)

Figure 8. Case 2: 24 year-old woman
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4. Supersonic and acid-etching method for Dentin geometry

Compact structure inhibits the body fluid permeation and the cell invasion into the inside of
the materials. Generally, this situation is called a material wall. Dentin and cortical bone
have compact structure. We have been challenging to develop new dentin materials, using a
supersonic and acid-etching technology (Akazawa et al., 2009; Akazawa et al., 2010; Akaza‐
wa et al., 2012). The surface structure design of dentin by the supersonic treatment might
easily produce new functional scaffolds, which control the bio-absorption rate and the ad‐
sorption ability for protein and cells. Figure 9 shows the dissolution efficiencies of human
dentin granules, which were demineralized for 5-45 min in 2.0%-HNO3 solutions by the su‐
personic treatment at 600W. A photograph inside Fig.9 is Digital microscopic view of DDM,
dissolution for 30 min in 2.0%- HNO3 by the supersonic treatment at 600W and 28 kHz.

Figure 9. Dissolution efficiencies of human dentin granules, demineralized for 5-45 min in 2.0%-HNO3 by supersonic
treatment at 600W. Inside photo: Digital microscopic DDM view, dissolution for 30 min in 2.0%- HNO3 by supersonic
treatment at 600W and 28 kHz.

The innovative technology can create the adequate geometry and the surface structure of
commercially available materials (Akazawa et al., 2012). Geometrical factors will improve
the performance of biomaterials for bone regeneration (Reddi, 1974: Kuboki et al, 1995; Mur‐
ata et al, 1998). Biomaterials science should support and develop the advanced regenerative
therapy using tooth-derived materials for patients in the near future.
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1. Introduction

Autogenous bone, allogenic bone, xenogenic bone, and alloplastic materials are bone graft
materials that are presently used in dental clinics. According to bone healing mechanism, they
can be categorized into materials that induce osteogenesis, osteoinduction, and osteoconduc‐
tion. Among the many different types of bone graft materials, autogenous bone is the most
ideal since it is capable of osteogenesis, osteoinduction, and osteoconduction. Its advantage is
the rapid healing time without immune rejection. As its biggest shortcomings, however, the
harvest amount is limited, bone resorption after graft is unavoidable, and second defect is
generated in the donor area. Therefore, to overcome such shortcomings, allogenic bone and
synthetic bone were developed and used in clinics, and efforts have been made to develop
more ideal bone substitution materials [1]. Lately, researchers and clinicians have become
interested in the use of human dentin from extracted teeth in the context of autogenous bone
grafts [2,3]. Dentin has inorganic and organic components that are very similar to those of
human bone. In dentin, the inorganic content is 70 ~ 75%, whereas the organic content is about
20%. In alveolar bone, the inorganic content is 65%, and the organic content is 25%. At least
90% of organic content of dentin is type I collagen, which plays an important role in bone
formation and mineralization. Dentin also contains bone morphogenetic proteins (BMP),
which promote the differentiation of mesenchymal stem cells into chondrocytes and conse‐
quently enhance bone formation. In addition, both alveolar bone and teeth are derived from
neural crest cells [4-6]. Thus, studies have been done to use fresh tooth in the form of demin‐
eralized dentin matrix (DDM) as a biocompatible autogenous bone graft material in alveolar
bone repair. Butler, et al [7] and Conover and Urist, et al [8] successfully extracted bone BMP

© 2013 Kim et al.; licensee InTech. This is an open access article distributed under the terms of the Creative
Commons Attribution License (http://creativecommons.org/licenses/by/3.0), which permits unrestricted use,
distribution, and reproduction in any medium, provided the original work is properly cited.
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from rabbit DDM, and Bessho, et al [9] secured new bone formation in situ by BMP from human
DDM. Furthermore, Ike and Urist [10] used dentin root matrix as a carrier of recombinant
human bone morphogenetic protein (rhBMP). Starting in 1993, we developed bone graft
materials using human teeth with which we conducted experimental studies [11-22]. In 2008,
we developed an autogenous tooth bone graft material (AutoBT; Korea Tooth Bank Co., Seoul,
Korea) from extracted teeth prepared as powder and grafted it to the donor patient himself.
The mineral components of autogenous tooth bone graft materials have 4 stages (types) of
calcium phosphate (HA, TCP, OCP, and ACP). Under scanning electron microscopic exami‐
nation, HA crystalline structures and collagen fibers around the dentinal tubules were
detected. Short-term clinical studies reported that, even when wounds became dehiscent, the
bone graft materials were not infected, and good secondary healing was achieved [3,23].

2. Osteoinduction of AutoBT

Many researchers have examined tooth dentin as a potential carrier for human proteins and
as grafting material because its biological composition is very similar to that of alveolar bone
[9, 24-28]. Both tooth and alveolar bone are derived from neural crest cells and are made up of
the same Type I collagen. Furthermore, dentin contains BMPs, which induce bone formation
and noncollagenous proteins such as osteocalcin, osteonectin, and dentin phosphoprotein [29,
30]. Since its investigation by Urist in 1965, BMP has been widely studied and used in clinical
applications [31]. As a result, Yeoman and Urist, et al (1967) and Bang and Urist, et al (1967)
showed the osteoinductivity of rabbit DDM by BMP [32, 33]. Bessho, et al extracted BMP from
bone matrix, dentin matrix, and wound tissue after extracting teeth from rabbits. Each BMP
was confirmed to have induced the formation of new bone when xenogenic implantation was
performed [9]. Bessho, et al extracted human dentin matrix containing 4mol/L guanidine HC1
and refined it into liquid chromatography and found out based on SDS-PAGE and IEF that
purified BMP is homogenous, inducing the formation of new bone within 3 weeks of implan‐
tation in muscle pouches in Wistar rats. Dentin matrix-derived BMP is not exactly same as
bone matrix-derived BMP, but they are very similar. In other words, two types of BMP exhibit
the same action in the body [34]. The organic component accounts for about 20% of dentin
weight and mostly consists of type I collagen. Moreover, it was proven to have BMP promoting
cartilage and bone formation, and differentiating undifferentiated mesenchymal stem cells
into chondrocytes and osteogenic cells [30, 35-37]. Noncollagenous proteins of dentin such as
osteocalcin, osteonectin, phosphoprotein, and sialoprotein are known to be involved in bone
calcification [38,39].

Patterns of matrix protein in teeth must have osteoinductive potential even though it does not
perfectly match the protein in alveolar bone. Moreover, the apatite in teeth has long been
known to play the role of protecting proteins [40]. According to Boden, et al, LIM mineraliza‐
tion protein 1 (LMP-1) is an essential positive regulator of osteoblast differentiation and
maturation and bone formation [41]. Wang, et al found that LIM-1 was expressed primarily in
predentin, odontoblasts, and endothelial cells of the blood vessels of teeth [42].
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Many researchers have observed that alveolar bone formation occurs around bone graft
materials as a result of experiments on animals [43-47]. Chung registered the patent for the
technology of extracting proteins from teeth in 2002 and 2004; this carries an important, serving
as evidence that teeth contain bone morphogenic protein [48,49]. Ike and Urist suggested that
root dentin prepared from extracted teeth may be recycled for use as carrier of rhBMP-2
because it induces new bone formation in the periodontium [10]. Murata, et al reported that
demineralized dentin matrix (DDM) does not inhibit BMP-2 activity but shows better release
profile of BMP-2. Human recycled DDM is an unique, absorbable matrix with osteoinductivity,
and DDM should be an effective graft material as a carrier of BMP-2 and a scaffold for bone-
forming cells for bone engineering [2].

Lee [50] performed quantitative analysis of proliferation and differentiation of the MG-63 cell
line on the bone grafting material using human tooth. This study demonstrated that the cellular
adhesion and proliferation activity of the MG-63 cell on partially demineralized dentin matrix
(PDDM) were comparable to control with enhanced osteogenic differentiation (Figure 1). Kim
& Choi [51] reported a case on tooth autotransplantation with autogenous tooth bone graft.
The extracted right mandibular third molar of a 37-year-old man was transplanted into the
first molar area, and a bone graft procedure using autogenous tooth-bone graft material was
performed for the space between the root and the alveolar socket. Reattachment was achieved
(Figure 2). Therefore, the autogenous tooth bone graft material is considered reasonable for
bone inducement and healing in the autotransplantation of teeth.

48h

72hr

Figure 1. MG-63 cells adhered to PDDM, and they were spread out. This means excellent biocompatibility between
cells and PDDM. (Lee H.J. Quantitative Analysis of Proliferation and Differentiation of MG-63 Cell Line on the Bone
Grafting Material Using Human Tooth. PhD Thesis. School of Dentistry, Seoul National University, 2011.)
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Figure 2. Periapical radiograph 2 years after autotransplantation.

Recently, we conducted a study to demonstrate the osteoinductivity of AutoBT when fabri‐
cated from bio-recycled dysfunctional teeth after patented processing. A total of 46 extracted
dysfunctional teeth samples were collected from actual patients. In vivo study was done on 15
athymic mice by inserting AutoBT in dorsal subcutaneous muscular tissues. Samples were
then biopsied in 2, 5, and 8 weeks. For additional analyses, Bradford assay, SDS-PAGE, and
western blotting were performed in vitro. Histologic analyses in vivo showed new active bone
formation as early as 2 weeks later (Figure 3,4,5). The Bradford assay indicated the existence
of noncollagenous proteins in AutoBT. Nonetheless, rhBMP-2 was not extractable from
AutoBT according to electrophoresis and immunoblotting analyses (Figure 6). In conclusion,
this study provided an evidence of osteoinductivity of AutoBT th rough noncollagenous
proteins.

a b

Figure 3. Histologic analyses of 2-week biopsy sample. a) The new cell lining and attachment to AutoBT powder and
b) Newly deposited osteoid formations were observed. (H&E staining, X 200).
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Cartilagenous structure

Figure 4. Cartilages were formed at the periphery of AutoBT in 5-week biopsy sample (H&E staining X 200).

a

Lamellar bone
Mature cartilage

b

Figure 5. a) Endochondral ossification and b) lamellar bone formation were identified 8 weeks after the insertion of
AutoBT powder in the intramuscular pouch of athymic mice (H&E, staining, X 200).
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Figure 6. SDS-PAGE of purified fractions from AutoBT powder fabricated from a dried tooth in 25 ºC (A) and from
wisdom tooth in fresh state (B).

3. Osteoconduction of AutoBT

The analytic results showed that AutoBT consisted of low-crystalline hydroxyapatite (HA) and
possibly other calcium phosphate minerals (ß-tricalcium phosphate (ß-TCP), ACP, and OCP),
similar to the minerals of human bone tissues. Note, however, that the level of HA crystalli‐
zation and the amount of HA differed greatly depending on the area of the tooth. The XRD
pattern was much stronger in the crown portion with enamel than in the root portion (Figure
7). Likewise, the dental crown portion consisted of high-crystalline calcium phosphate
minerals (mainly HA) with higher Ca/P ratio, whereas the root portion was mainly made up
of low-crystalline calcium phosphates with relatively low Ca/P ratio [3, 23]. Kim, et al [52]
performed the study to evaluate the surface structures and physicochemical characteristics of
a novel autogenous tooth bone graft material currently in clinical use. The material’s surface
structure was compared with a variety of other bone graft materials via scanning electron
microscope (SEM). The crystalline structure of the autogenous tooth bone graft material from
the crown (AutoBT crown) and root (AutoBT root), xenograft (BioOss), alloplastic material
(MBCP), allograft (ICB), and autogenous mandibular cortical bone were compared using x-
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ray diffraction (XRD) analysis. The solubility of each material was measured with the Ca/P
dissolution test. The result of the SEM analysis showed that the pattern associated with AutoBT
was similar to that from autogenous cortical bone (Figure 8). In the XRD analysis, AutoBT root
and allograft showed a low crystalline structure similar to that of autogenous cortical bone
(Figure 9). In the CaP dissolution test, the amount of calcium and phosphorus dissolution in
AutoBT was significant from the beginning, displaying a pattern similar to that of autogenous
cortical bone (Tables 1, 2). In conclusion, autogenous tooth bone graft materials can be
considered to have physicochemical characteristics similar to those of autogenous bone.

Day MBCP ICB BioOss
AutoBT

Crown
AutoBT Root Auto Bone

3 d 54.2 97.7 35.5 230.7 280.0 246.8

7 d 48.6 71.7 33.6 162.7 255.2 189.2

14 d 62.7 97.6 35.1 144.5 180.6 180.6

m/z: mass-to-charge ratio

Table 1. Ca (m/z; 42.959) ion dissolution (Kim Y.K., et al. Autogenous teeth used for bone grafting: a comparison to
traditional grafting materials. Oral Surg. Oral Med. Oral Pathol. Oral Radiol., 2013, in press)

Day MBCP ICB BioOss AutoBT Crown AutoBT Root Auto Bone

3 d 301.7 217.8 174.0 269.8 269.4 260.5

7 d 311.4 191.2 151.7 282.8 230.2 282.8

14 d 302.5 165.4 148.7 253.8 229.0 245.3

m/z: mass-to-charge ratio

Table 2. P (m/z; 30.994) ion dissolution (Kim Y.K., et al. Autogenous teeth used for bone grafting: a comparison to
traditional grafting materials. Oral Surg. Oral Med. Oral Pathol. Oral Radiol., 2013, in press)

In an in vitro dissolution test, AutoBT showed excellent biodegradability, whereas apatite re-
precipitation was actively visible immediately after transplantation. We conjecture that this
material plays an effective role in inducing bone regrowth [52]. Priya, et al [53] reported that
the extensive dissolution of calcium phosphate composites, which release calcium and
phosphorus ions, induces the re-precipitation of the apatite onto the surfaces. According to
them, the combination of dissolution and re-precipitation was the mechanism behind apatite
formation. Apatite layer formation was expected to encourage the osseointegration of biocer‐
amic composites.

Both the organic and inorganic compositions differ between the crown and root of autogenous
tooth bone graft materials. Thus, when the material is grafted, crown and root show different
healing mechanisms. Apatites present in bone tissues form a ceramic/high-molecular weight
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nanocomplex pattern [54]. In particular, apatites present in human bone tissues have low
crystallinity and crystal size that are several tens of nanometers. On the other hand, hydroxya‐
patites prepared via the sintering process at high temperatures have high crystallinity. Grain
growth occurs during the sintering process, resulting in sizes that are at least ten times larger
than those apatites present in bone tissues [55]. The biodegradation of large particles with high
crystallinity is almost impossible. Their osteoconduction capacity is very low, and osteoclasts
cannot degrade them. Low-crystalline carbonic apatites show the best osteoconduction effects
[56,57].

Nampo, et al introduced alveolar bone repair using extracted teeth for the graft material. DSP
is a dentin-specific noncollagenous protein involved in the calcification of dentin. Based on
immunohistochemical staining with anti-DSP antibody, the positive reaction was localized to
the dentin of the extracted tooth fragments; thus suggesting that dentin has high affinity for
and marked osteoconductive effect on the jaw bone [58].

Kim, et al reported bone healing capacity of demineralized dentin matrix materials in a mini-
pig cranium defect [59]. A defect was induced in the cranium of mini-pigs, and those without
defect were used as control. In the experimental group, teeth extracted from the mini-pig were
manufactured into autogenous tooth bone graft material and grafted to the defect. The mini-
pigs were sacrificed at 4, 8, and 12 weeks to evaluate histologically the bone healing ability and
observe the osteonectin gene expression pattern with RT-PCR. At 4 weeks, the inside of the bur
hole showed fibrosis, and there was no sign of bone formation in the control group. On the other

Figure 7. X-ray diffraction patterns of human tooth. (#1: root portion, #2: crown portion, 3: whole tooth) (Kim Y.K., et
al. Development of a novel bone grafting material using autogenous teeth. Oral Surg. Oral Med. Oral Pathol. Oral Ra‐
diol. Endod., 2010.)
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hand, bone formation surrounding the tooth powder granule was observed at 4 weeks in the
experimental group wherein the bur hole was filled with tooth powder. There was practically
no osteonectin expression in the control group, whereas active osteonectin expression was
observed from 4 to 12 weeks in the experimental group. In this study, excellent osteoconduc‐
tive healing of autogenous tooth bone graft material was confirmed (Figure 10, 11).

(a) (b) (c) 

(d) (e) (f) 

(g) (h) (i) 

(j) (k) (l) 

Figure 8. SEM views of the different types of bone graft materials. (Kim Y.K., et al. Autogenous teeth used for bone
grafting: a comparison to traditional grafting materials. Oral Surg. Oral Med. Oral Pathol. Oral Radiol., 2013, in press)
a): AutoBT crown (x500), b): AutoBT crown (x5,000), c): AutoBT root (x500), d): AutoBT root (x5,000), e): Autogenous
cortical bone (x500), f): Autogenous cortical bone (x5,000), g): ICB (x500), h): ICB ( x5,000), i): BioOss (x500), j): BioOss
(x5,000), k): MBCP (x500), l): MBCP (x5,000)
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Figure 10. Experimental group of 8 weeks. New bone is actively formed around the tooth powder granules. Asterisks
and arrows indicate graft tooth granule materials and new bone formation around the tooth granules, respectively.
Hematoloxylin and eosin staining (×100). (Kim J.Y., et al. Bone healing capacity of demineralized dentin matrix materi‐
als in a mini-pig cranium defect. J. Korean Dent. Sci., 2012.)

Figure 9. Results of the X-ray diffraction analysis. AutoBT D+: AutoBT root, AutoBT E+: AutoBT crown, Cancellous
bone: ICB. (Kim Y.K., et al. Autogenous teeth used for bone grafting: a comparison to traditional grafting materials.
Oral Surg. Oral Med. Oral Pathol. Oral Radiol., 2013, in press)
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Figure 11. Experimental group of 12 weeks. Extensive new bone formation was noted around the bone powder gran‐
ules in the bur hole. Asterisks indicate tooth powder materials. Hematoloxylin and eosin staining (×100). (Kim J.Y., et
al. Bone healing capacity of demineralized dentin matrix materials in a mini-pig cranium defect. J. Korean Dent. Sci.,
2012.)

4. Clinical application of AutoBT

Kim, et al developed a novel bone grafting material using autogenous teeth (AutoBT) in 2008
and provided the basis for its clinical application. Having organic and inorganic mineral
components, AutoBT is prepared from autogenous grafting material; thus eliminating the risk
of immune reaction that may lead to rejection. AutoBT was used at the time of implant
placement -- simultaneously with guided bone regeneration -- and excellent bone healing by
osteoinduction and osteoconduction was confirmed [3]. In a total of 6 patients, guided bone
regeneration was performed simultaneously at the time of implant placement, and tissue
samples were then harvested at the time of the second surgery with the patient’s consent. In
the histomorphometric analysis of the samples collected from 6 patients during the 3 ~ 6
months’ healing period, new bone formation was detected in 46 ~ 87% of the area of interest,
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and excellent bone remodeling was achieved (Table 3) (Figure 12). Clinically available AutoBT
consists of powder, chips, and block (Figure 13).

Tooth material

Newly formed bone
Remodelling of
Newly formed bone

Remodelling of newly formed bone
And tooth materials

Figure 12. Newly formed bone and tooth materials showing remodeling were identified around the implant chip and
at the periphery of the implant chip, respectively (H&E staining, X 100). (Kim Y.K., et al. Development of a novel bone
grafting material using autogenous teeth. Oral Surg. Oral Med. Oral Pathol. Oral Radiol. Endod., 2010.)

Advances in Biomaterials Science and Biomedical Applications416



and excellent bone remodeling was achieved (Table 3) (Figure 12). Clinically available AutoBT
consists of powder, chips, and block (Figure 13).

Tooth material

Newly formed bone
Remodelling of
Newly formed bone

Remodelling of newly formed bone
And tooth materials

Figure 12. Newly formed bone and tooth materials showing remodeling were identified around the implant chip and
at the periphery of the implant chip, respectively (H&E staining, X 100). (Kim Y.K., et al. Development of a novel bone
grafting material using autogenous teeth. Oral Surg. Oral Med. Oral Pathol. Oral Radiol. Endod., 2010.)

Advances in Biomaterials Science and Biomedical Applications416

(a) (b) (c) 

(d) (e) 

Figure 13. Three types of AutoBT can be fabricated from extracted teeth. a): Extracted teeth. Foreign body such as
prosthetic crown, cements, calculus, and soft tissue are removed. AutoBT is then fabricated through pulverization, de‐
fatting, demineralization, and lyophilization. b): AutoBT one-powder. Crown and root portion are mixed. c): AutoBT
crown and root powder. d): AutoBT chips. e): AutoBT block.

Case Age/Sex
Site Healing period

WB:LB:IM ratio
New bone-forming area

(%)

1 40/M #24 3 43:11:46 74

2 28/F #17 4 85:14:1 87

3 47/F #17 6 56:39:5 46

4 50/M #24 5 84:12:4 73

5 43/F #36 3 51:1:48 52

6 61/M #25-27 6 65:0:35 68

WB: woven bone; LB: lamellar bone; IM: residual implant material

Table 3. Histomorphometric finding (Kim Y.K., et al. Development of a novel bone grafting material using autogenous
teeth. Oral Surg. Oral Med. Oral Pathol. Oral Radiol. Endod., 2010.)

Lee and Kim [60]performed a retrospective study to evaluate the clinical efficacy of AutoBT.
This study included 37 patients (54 implants) into which AutoBT was grafted between Oct.
2008 and Dec. 2009. The mean follow-up period was 31 months. Postoperative complications
and marginal bone status around the implants were evaluated using medical records and
dental radiography. Wound dehiscence and hematoma developed in 7 patients (8 implants).
Osseointegration failure in 2 patients (4 implants) was recorded. These complications were
well managed through conservative treatment and re-implantation. Mean peri-implant
marginal bone loss 1 year after implant placement was 0.33±0.63mm. Autogenous tooth bone
graft was confirmed to be a safe procedure, showing excellent bone healing through a 2-year
retrospective study (Tables 4, 5, 6).
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Type Number of implants

GBR 29 (53.7%)

Sinus graft (lateral approach) 14 (25.9%)

Sinus lifting (crestal approach) 7 (13.0%)

Ridge augmentation 4 (7.4%)

Total 54 (100%)

Table 4. Types of surgery

Type Number of patients

Powder 32 (86.5%)

Block 2 (5.4%)

Powder + Block 3 (8.1%)

Total 37 (100%)

Table 5. Types of AutoBT

Type Number of implants

Wound dehiscence 7

Hematoma 1

Osseointegration failure 4

Total 12

Table 6. Types of complications

5. Sinus bone graft

If there is any material whose resorption speed is not too high and whose bone healing process
approximates that of autogenous bone graft, it may be useful in maxillary sinus bone grafting.
Likewise, more excellent clinical achievement may be expected when these materials are used
in mixture with other bone substitutes with slow resorption properties [61,62,63]. With
evidence presented in the foregoing paragraphs, AutoBT® developed by the author, et al was
proven to exhibit bone healing ability through osteoinduction and osteoconduction, demon‐
strating a histological healing process similar to that of free bone grafting being resorbed over
3~6 months [3]. Accordingly, AutoBT® is regarded as a possible substitute when autogenous
bone is needed for sinus bone graft, and it may wield a useful effect on increasing the volume
of bone graft materials and minimizing repneumatization (Figure 14).
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A retrospective study on sinus bone graft was performed. One hundred implants in 51 patients
were selected, with the patients receiving maxillary sinus augmentation and implant place‐
ment using autogenous tooth graft materials at Chosun University Dental Hospital and Seoul
National University Bundang Hospital (SNUBH) between July 2009 and November 2010. In
cases of using autogenous tooth bone graft alone or together with other graft material, the
implant survival rate was 96.15%. Based on the histomorphologic examination, autogenous
tooth bone graft materials showed gradual resorption and new bone formation through
osteoconduction and osteoinduction. The results suggest that autogenous tooth bone graft
materials are appropriate for use in maxillary sinus augmentation [64].

Lee, et al [65] conducted a study to evaluate histomorphometrically and compare the efficiency
of various bone graft materials and autogenous tooth bone graft material used in the sinus
bone graft procedure. The subjects were 24 patients who had been treated with sinus bone
graft using the lateral approach from October 2007 to September 2009 at SNUBH. The average
age was 52.51±11.86 years. All cases were taken after 4 months of procedure and divided into
3 groups according to bone graft material: Group 1 for autogenous tooth bone graft material
(AutoBT), Group 2 for OrthoblastII (Integra Lifescience Corp., Irvine, US)+Biocera (Osscotec,
Cheonan, Korea), and Group 3 for DBX (Synthes, West Chester, PA, USA), BioOss (Geistlich
Pharm AG, Wolhusen, Switzerland). A total of 37 implant placement areas was included and
evaluated (7 in group 1, 10 in group 2, 20 in group 3). The evaluation of new bone formation,
ratio of woven bone to lamellar bone, and ratio of new bone to graft material was performed
on each tissue section. The Kruskal-Wallis test was used for statistical analysis (SPSS Ver. 12.0,
USA). New bone formation was 52.5±10.7 % in group 1, 52.0±23.4% in group 2, and 51.0±18.3%
in group 3 (Table 7) (Figure 15-18). There were no statistically significant differences between
groups, however. The ratio of woven bone to lamella bone was 82.8±15.3% in group 1, 36.7
±59.3% in group 2, and 31.0±51.2% in group 3. The ratio of new bone to graft material was
81.3±10.4% in group 1, 72.5±28.8% in group 2, and 80.3±24.0% in group 3. After a 4-month
healing period, all groups showed favorable new bone formation and around the graft material
and implant. Within the limitation of our study, autogenous tooth bone graft material may be
used as a novel bone graft material for sinus bone graft. Kim, et al and Lee, et al performed
sinus bone graft and guided bone regeneration using autogenous tooth bone from humans
and took the tissue specimen 2 months and 4 months later for histomorphometric analysis.
They found favorable new bone formation as a result and suggested that autogenous tooth
bone graft materials could be used in various bone grafts [65,66].

Group New bone formation

I 52.5±10.7%

II 52.0±23.4%

III 51.0±18.3%

*Kruskal-Wallis test: P-value>0.05

Table 7. Histomorphometric data on new bone formation (Mean±SD)
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Figure 14. A case of sinus bone graft performed by the mixture of AutoBT, autogenous maxillary tuberosity bone and
synthetic bone. a) Panoramic radiography of a 64-year-old man at the first examination. b) Radiography after placing
implants simultaneously with the sinus bone graft on the right side. c) Panoramic radiography after 2 weeks of maxil‐
lary left 1st molar extraction. The prosthodontic therapy for the upper right maxillary bone was completed, and the
extracted tooth was replaced with bone graft materials. d) Intraoral photography before operation. e) View of mix‐
ture of AutoBT and maxillary tuberosity bone. f) Grafted in the mixture with a synthetic bone, OSTEON (GENOSS, Su‐
won, Korea). g) Panoramic radiography after sinus bone graft. h) Panoramic radiography taken in a private dental
clinic after 3 months of bone grafting. Performing implant placement in a private dental clinic was decided due to the
medical costs. i) Panoramic radiography one year after final prosthetic delivery. The bone materials grafted on the
maxillary sinus are maintained stably.
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Figure 15. Overview of biopsy of Group I (Auto BT®). New bone formation (arrows) was identified around the graft
material (asterisks). (Hematoxylin & Eosin stain, x40. scale bar measures 500um)
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Figure 16. Histomorphometric image of Group I (Auto BT®). New bone formation (arrows) was identified around the
graft material (asterisks). Confluent new bone formation was observed (open asterisk) (Hematoxylin & Eosin stain,
x200. scale bar measures 200um)

Figure 17. Microphotograph 4 months after Orthoblast/Biocera transplantation (Group II). Higher magnification
demonstrated new bone formation (arrows) around the implant chips (asterisks). (Hematoxylin & Eosin stain, x200.
scale bar measures 100um)
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Figure 18. Microphotograph 4 months after DBX/BioOss transplantation (Group III). Higher magnification demon‐
strated new bone formation (arrows) around the implant chips (asterisks). (Hematoxylin & Eosin stain, x200. scale bar
measures 100um)

6. Guided bone regeneration

Bone dehiscence or bone fenestration often develops after dental implant placement, and
guided bone regeneration using bone graft materials has become a popular method. The most
ideal material for guided bone regeneration is autogenous bone, but autogenous bone graft
has limited sources and high risk of complications at the donor site and causes high resorption
after bone graft. Therefore, alternative bone materials have been developed and used clinically,
such as allogenic bone, xenogenic bone, and synthetic bone. Note, however, that they are often
mixed with autogenous bone to maximize their advantages.

Autogenous teeth bone graft materials have very good osteoinductive and osteoconductive
properties due to the organic and inorganic contents of the teeth, such as collagen, bone growth
factors, and various forms of calcium phosphate. In our study, we achieved 46~74% new bone
formation in 3~6 months compared with the results of Babbush [3,67]. Considering the
histological healing of the sites where autogenous teeth bone graft materials were applied,
bone graft materials were replaced with new bone following resorption, and new bone directly
fused with the remaining autogenous teeth bone graft materials. A healing process associated
with excellent osteoinduction and osteoconduction was observed in every sample, including
abundant lamella bone; thus indicating that rapid bone reconduction was occurring
[50,51,59,65,66]. Kim, et al [68] installed implants combined with guided bone regeneration
using autogenous tooth bone graft material in 6 patients. In the 6 months’ histological
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examination after operation, excellent osteoconductive bone healing was noted. A clinically

favorable outcome was obtained (Figure 19~21).

(a) (b) (c) 

(d) (e) (f) 

Figure 19. Guided bone regeneration using AutoBT powder (Kim Y.K., et al. Guided bone regeneration using autoge‐
nous teeth: case reports. J. Korean Assoc. Oral Maxillofac. Surg., 2011.) a): Initial panoramic radiography of a 44-year-
old male patient. b): Preoperative intraoral view. Teeth were extracted 2 months ago. c): Implants were placed, and
dehiscence defects were covered with autogenous tooth bone graft material. d): Periapical radiography 6 months af‐
ter implant placement. e): Secondary surgery was performed, and flap was elevated. Excellent bone healing was ob‐
served. f): Periapical radiography 6 months after the final prosthetic delivery.
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Figure 20.GBR was performed on the right mandibular 1st molar area of a 49-year-old female patient. (Kim Y.K., et al. Guided bone regeneration 
using autogenous teeth: case reports. J. Korean Assoc. Oral Maxillofac. Surg., 2011.)  a): Autogenous tooth bone graft material and collagen 
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Figure 20. GBR was performed on the right mandibular 1st molar area of a 49-year-old female patient. (Kim Y.K., et al.
Guided bone regeneration using autogenous teeth: case reports. J. Korean Assoc. Oral Maxillofac. Surg., 2011.) a): Au‐
togenous tooth bone graft material and collagen membrane (BioGuide) were used. b): Periapical radiography 3 weeks
after bone graft. c): Periapical radiography 6 months after bone graft. The alveolar crestal level was stable. d): Implant
was installed 6 months after bone graft. Bone quality was type I. e): Periapical radiography after the final prosthetic
delivery. f): Microphotograph 6 months after AutoBT transplantation. Higher magnification demonstrated new bone
formation (arrows) around the implant chips (asterisks). Hematoxylin & Eosin stain, x100.
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Figure 20. GBR was performed on the right mandibular 1st molar area of a 49-year-old female patient. (Kim Y.K., et al.
Guided bone regeneration using autogenous teeth: case reports. J. Korean Assoc. Oral Maxillofac. Surg., 2011.) a): Au‐
togenous tooth bone graft material and collagen membrane (BioGuide) were used. b): Periapical radiography 3 weeks
after bone graft. c): Periapical radiography 6 months after bone graft. The alveolar crestal level was stable. d): Implant
was installed 6 months after bone graft. Bone quality was type I. e): Periapical radiography after the final prosthetic
delivery. f): Microphotograph 6 months after AutoBT transplantation. Higher magnification demonstrated new bone
formation (arrows) around the implant chips (asterisks). Hematoxylin & Eosin stain, x100.
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g): Microphotograph 6 months after AutoBT transplantation. Higher magnification demonstrated new bone formation around the implant chips. 
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7. Ridge augmentation (Figure 22) 
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for autograft, bone graft materials such as allograft, xenograft, synthetic bone, etc., were developed, but the single use of each is not 
recommended in the method of augmenting bone tissue vertically or horizontally [69,70]. For the vertical or horizontal ridge 
augmentation, AutoBTR may be a substitute method for autogenous bone graft and may be very useful in clinical practices when 
used in mixture with other graft materials in case of insufficient volume. Kim, et al. [71,72] reported the successful case of alveolar 
ridge augmentation using various autogenous tooth bone graft materials.  
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Figure 21. GBR was performed on the mandibular left 1st molar. (Kim Y.K., et al. Guided bone regeneration using au‐
togenous teeth: case reports. J. Korean Assoc. Oral Maxillofac. Surg., 2011.) a): Periapical radiography of a 50-year-old
male patient 2 months after the extraction of the mandibular left 1st molar. b): Periapical radiography 2 weeks after
autogenous tooth bone graft. c): Periapical radiography 5 months after autogenous tooth bone graft. Alveolar crestal
bone level was stable. d): Implant was placed 6 months after bone graft. The adjacent 2nd molar was extracted. e):
Second surgery was performed at the #36 area. Additional implant was placed at the #37 area. f): Periapical radiogra‐
phy after the final prosthetic delivery. g): Microphotograph 6 months after AutoBT transplantation. Higher magnifica‐
tion demonstrated new bone formation around the implant chips. Hematoxylin & Eosin stain, x200

7. Ridge augmentation (Figure 22)

Autogenous bone grafting produces the best results in case a large volume of bone increase is
required, as in the reconstruction of a site with lots of bone defects or ridge augmentation. The
autograft may be taken from the endochondral bone such as ilium, rib, tibia, etc., and from the
intramembranous bone such as calvaria, facial bone, etc. Alveolar ridge augmentation is a
method of augmenting the height or width of the alveolar ridge by implementing bone grafting
on the upper part or lateral part of the ridge in particulate or block type in case bone volume
is insufficient vertically or horizontally; vertical and horizontal augmentation may be done
simultaneously, but it may also be carried out individually. Since it is a kind of onlay graft,
bone resorption occurs considerably after grafting, and dehiscence on the upper soft tissue
easily arises [69]. Meanwhile, as for the autogenous bone graft, there may be some complica‐
tions on the donor site, and doing the grafting takes time. Likewise, there are several problems
such as limit to the volume of collection. Consequently, patients and clinical doctors are
inclined to avoid it in many cases. As substitutes for autograft, bone graft materials such as
allograft, xenograft, synthetic bone, etc., were developed, but the single use of each is not
recommended in the method of augmenting bone tissue vertically or horizontally [69,70]. For
the vertical or horizontal ridge augmentation, AutoBT may be a substitute method for
autogenous bone graft and may be very useful in clinical practices when used in mixture with
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other graft materials in case of insufficient volume. Kim, et al. [71,72] reported the successful

case of alveolar ridge augmentation using various autogenous tooth bone graft materials.
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Figure 22. Placement of implants after the ridge augmentation of the maxillary anterior and maxillary/mandibular poste‐
rior area. a): Panoramic radiography at the first examination. Alveolar resorption was in considerable progress on the
whole. b): Intraoral photograph taken just before the ridge augmentation of the maxillary anterior area. One month
passed after extraction. c): View of the elevated mucoperiosteal flap. The labial side concavity is observed. d): View of fixa‐
tion with titanium screws after applying the AutoBT block on the labial side. e): View of grafting the AutoBT powder addi‐
tionally. f): Sutured after covering the resorbable collagen membrane (Ossix plus). g): View of the sinus bone graft on the
right side using the AutoBT powder. h): View of fixation with titanium screws after vertical ridge augmentation with the
AutoBT block. i): Panoramic radiography after grafting the bone on the maxillary anterior area and the right posterior
area. j): Intraoral photograph prior to the right mandibular posterior bone grafting. One month passed after extraction. k):
View of the elevated mucoperiosteal flap. The vertical bone defects on the ridge is observed. l): After applying the AutoBT
block on the #45 area, the AutoBT powder was grafted on the surrounding sites. The AutoBT block was hydrated in saline
solution for 15 ~ 30 minutes and operated. m): After covering the Ossix plus, the wound was closed. n): Panoramic radiog‐
raphy after bone graft. o): View of the elevated mucoperiosteal flap on the #45 and 46 sites after 2 months of ridge aug‐
mentation. Some Ossix plus that were not resorbed is observed. p): After removing Ossix plus, very excellent bone healing
was observed. q): View of #45 and 46 implant placement. r):View of the elevated mucoperiosteal flap on the maxillary an‐
terior area 4 months after bone grafting. Good bone healing is observed. There was not much bone resorption when the
state of titanium screws was examined. s): After removing the titanium screws, the implants were placed. t): Exposed #15
and16 areas. The titanium screws fixing the block is observed, and bone healing was very good. u): View of implants placed
on the site. v): Panoramic radiography after the #12, 21, 15, and 16 implants were placed. w): View of the #45 and 46 im‐
plants exposed while doing the secondary surgery after 2 months. x): Panoramic radiography 6 months after the final pros‐
thetic delivery.

8. Extraction socket preservation or reconstruction (Figure 23)

The resorption of the residual alveolar bone in the vicinity of extraction sockets reportedly
occurs primarily during the initial period after tooth extraction; in cases wherein teeth are
infected with periodontal diseases, it shows more severe resorption [73]. Severe resorption of
the alveolar bone may cause aesthetic problems in the anterior teeth. In addition, normal,
natural healing may be difficult since the soft tissues may fall down into the defective area if
there is progressive periodontal disease or periapical inflammatory lesion, or in case of serious
defects of the surrounding bone wall after tooth extraction. Therefore, the preservation or
reconstruction of the extraction sockets should be considered positively in case of serious
defects after tooth extraction [74]. Ridge preservation methods using various bone graft
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materials were introduced and reported to be effective in preventing vertical and horizontal
ridge resorption [75-77]. Kim, et al [78] reported an actual case of extraction socket preservation
and reconstruction using autogenous tooth bone powder and block. They reported good
healing of extraction socket after 3~3.5 months, and they could successfully perform the
placement of implants.

(a) (b) (c) 

(d) (e) (f) 

(g) (h) 

Figure 23. Extraction socket graft and delayed implant placement were performed on a 48-year-old male patient.
(Kim Y.K., et al. Extraction socket preservation and reconstruction using autogenous tooth bone graft. J. Korean Assoc.
Maxillofac. Plast. Reconstr. Surg., 2011.). a): Initial panoramic radiographic view, Periapical radiolucent lesion was ob‐
served at #37, 47 area. Radiolucent lesion was extended to the vicinity of the inferior alveolar canal. b):. Panoramic
radiograph 3 months after extraction. c): The mucoperiosteal flap was elevated for implant placement 3 months after
#47 extraction. The healing of extraction socket was poor. It was impossible to install the implants because of inade‐
quate stability. d): Autogenous tooth bone graft powder was grafted into the socket. e): Postoperative periapical ra‐
diograph. f): Implant was installed 3 months after socket graft. Primary implant stability was excellent. g): Second
surgery was performed 2.5 months after implant placement. h): Periapical radiograph 14 months after the final pros‐
thetic delivery.

9. Conclusion

It is obvious that autogenous tooth bone graft materials(AutoBT) are safer than allogeneic and
xenogeneic bon egraft materials; the fact that they are compared with the healing performance
of free autogenous bone graft in histological view is clear evidence. AutoBT can be used safely
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in a variety of bone reconstructive procedures such as sinus bone graft, GBR, ridge augmen‐
tation and extraction socket graft.
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1. Introduction

In the human body, an organ is a composite of different tissues in an ordered structural unit
to serve a common function [1]. Ordinarily, cells self-assemble into tissues before forming an
organ. There are at least three different tissues in a complex organ, such as the liver, heart,
and kidney. Currently, complex organ failures are the first cause of mortality in developed
countries despite advances in pharmacological, interventional, and surgical therapies [2].
Orthotopic organ transplantation is severely limited by the problems of donor shortage and
immune rejections [3]. Extracorporeal support systems perform some specific functions
within a limited time period [4]. Cell encapsulation techniques face the problems of capsule
loss, low stability, and poor efficiency [5]. Cell sheet technique cannot rescue tissues with in‐
creased thicknesses above 80 μm [6]. Decellularized matrices are hard to be repopulated by
multiple cell types [7]. On the other hand, stem cell research has emerged as one of the most
high-profile and promising areas of 21st century science [8-10]. Typically, autologous adi‐
pose-derived stem cells (ADSCs) represent one of the most abundant, easily cultured, rapid‐
ly expanded, and multipotent cell source [11]. It has been a long-term goal in this field to
manufacture complex organs from biocompatible materials (including non-immune patient
derived cells) and computer-aided design (CAD) models in a fast, easy, cheap and automat‐
ic manner.

To manufacture a complex organ, cells act like building blocks and have special functions. A
comprehensive multidisciplinary effort from biology, implantable biomaterials, and rapid
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prototyping (RP) technology is extraordinarily needed. A biomaterial is defined as any mat‐
ter, surface, or construct that interacts with biological systems [12]. It may be an autograft,
allograft or xenograft transplant material, or a nature derived or laboratory synthesized
chemical component. Biomaterials are often used and/or adapted for a medical application,
and thus comprise whole or part of a living structure or biomedical device which performs,
augments, or replaces a natural function [13]. RP, also referred to as additive manufacturing
(AM) or solid freeform fabrication (SFF), is a set of manufacturing processes which can de‐
posit materials layer-by-layer until a CAD model with freeform geometry has been built. RP
technology, which has been widely used in the automatic fabrication of complex geometric
structure areas, carries the promise to become the most convenient and reliable technique
for manufacturing of complex organs in the coming years [14-18].

Over the last two decades, tissue-engineering researchers have devoted themselves to seed‐
ing cells onto a porous biodegradable scaffold material to direct cell differentiation and
functional assembly into three-dimensional (3D) tissues [19]. This strategy has achieved a
great success in simple tissue/organ regeneration [20]. However, it is extremely difficult for
this strategy to be used in creating a branched vascular system or a complex organ regenera‐
tive template mimicking the native ones with similar mechanical and biological properties.
Similar to building a nuclear power plant for complex organ manufacturing, there is a sig‐
nificant gap between simple tissue/organ engineering and complex organ manufacturing
approaches both in fabrication technique employed and ultimate goal achieved (Table 1)
[14-18].

Complex organ manufacturing Nuclear power plant building

Cells Bricks, nuclear reactors

Synthetic, natural polymers Steel

Crosslinking agents Cements

Vascular systems Water and light pipes

Nerve system Electric control system

Multi-nozzle rapid prototyping machines Cranes

CAD models Blueprints

Construction Architecture

Table 1. Analogues between complex organ manufacturing and nuclear power plant building.

The ultimate goal of complex organ manufacturing is to fabricate hybrid biomaterial (in‐
cluding living cells, even gene/protein) structures over a range of size scales (i.e. from a few
micrometers to a few millimeters). We herein provide insights into some special integrations
of biomaterials and RP techniques towards the purpose of intelligent freeform manufactur‐
ing of complex organs. The most successful and promising integrations have been highlight‐
ed; meanwhile the future development directions have been highlighted.
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2. Biomaterials and RP techniques in thousands of postures

As stated above, biomaterials, usually acting as synthetic frameworks (referred as scaffolds,
matrices, or constructs), can be categorized into different groups according to their supply
sources, existence states, chemical properties as well as biomedical applications. Typically,
patient specific blood, cells (especially stem cells), acellular matrices, tissues and organs are
a kind of biomaterials with no immune reactions. More than 100 implantable biomaterials
have been reported in different forms, such as bulks, blocks, membranes, sheets, beads, hy‐
drogels, fibers, sutures, plates, nets, meshs, tubes, non-woven fabrics, porous scaffolds (or
sponges), heart valves, intraocular lenses, dental implants, pacemakers, biosensors, etc
[21-23]. However, very few of them are suitable for complex organ manufacturing purposes.
For biomedical applications, biocompatibility, biodegradability and processing ability are
among the most crucial issues one should consider. In most cases the implantable biomateri‐
al has to be nontoxic, biocompatible, and biodegradable. Therefore, stringent criteria must
be met before proceeding to clinical applications.

Especially, hydrogels are a family of natural or synthetic polymers with high water contents.
During the last twenty years, hydrogels have been an important class of soft tissue repair
materials or cell delivering vehicles that can be fabricated in the form of 3D micro-periodic
structures by colloidal templating [24], interference lithography [25], direct-writing [26], ink-
jet printing [27], and two-photon polymerization (2PP) [28].

In the last four decades, significant advances have been made in the progress of scaffold fab‐
rication techniques for biomedical applications. For example, synthetic and natural biode‐
gradable polymers, such as polylactic acid (PLA) [29], poly(lactic/glycolic) acid (PLGA) [30],
collagen [31], hyaluronic acid [32] and chitosan [33], are often used as pure implantable bio‐
materials or tissue engineering scaffolds.

In parallel with the development of biomaterials, the number of commercial RP techniques
has expanded rapidly during the last decade. More than 30 different RP techniques have
been applied in the most diverse industries. Several companies are now using RP technolo‐
gies for plastic, wood and metal product manufacturing. For example, Siemens, Phonak Wi‐
dex, and other hearing aid manufactures use selective laser sintering (SLS) techniques to
produce hearing aid shells. Align technology uses SLS techniques to fabricate molds for pro‐
ducing clear braces (“aligners”). And Boeing and its suppliers use SLS techniques to pro‐
duce ducts and similar parts for F-18 fighter jets [34]. Around 20 of the RP techniques have
been adapted in the field of regenerative medicine [35]. Basically, these adaptations can be
classified into three major groups hinged on the RP working principles (Figure 1): (i) nozzle-
based extruding/assembling/deposition systems, e.g. fused deposition modeling (FDM) (Fig‐
ure 1A) [36], pressure assisted manufacturing (PAM), low-temperature deposition
manufacturing (LDM), and bio-plotters (3DB) (Figure 1B) [37,38], which deposit materials
either thermally or chemically through pens/syringes/nozzles; (ii) laser/photolithography-
based writing systems, e.g. laser-guided direct writing, which arrange meterials/cells by la‐
ser beams [39,40] or photopolymerize a liquid (resin, powder, or wax) in stereolithography
(SLA or STL) (Figure 1C) [36,41], or sinter powdered material in SLS systems (Figure 1D)
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[42]; (iii) printing-based inkjeting systems, e.g. 3D printing (3DP) systems and wax-based
systems, which print a chemical binder onto a powder bed and print two types of wax mate‐
rials in sequence (Figure 1 E) [36].
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Figure 1. Working principles of various rapid prototyping systems: A) Schematic illustration of the nozzle-based FDM
process [36]. B) Scheme of a nozzle-based 3D-Bioplotter heated cartridge setup [37,38]. C) Schematic of the laser-
based SLS techniques [36]. D) Schemes of two laser-based of stereolithography (SLA or STL) setups [39]. Upper: a bot‐
tom-up system whereby the laser scans the surface for the curing of the photosensitive materials. Bottom: a top-down
setup with dynamic digital light projection to cure a complete 2D layer at once. E) Schematic of the 3DP systems [36].

Although most of the adapted techniques can be used in building complex geometrical shapes
with CAD modelling, every technique group is subjected to a limited biomaterial incorpora‐
tion ability and has its own drawbacks in creating 3D living organs. For example, Chu and
coworkers have developed design-for-manufacturing rules for their lattice mesostructure fab‐
rication technique with a STL system. Lattice structures tend to have geometry variations in
three dimensions [43]. However, this system is not fully capable of creating a branched vascu‐
lar system, which is vitally important in the context of organ manufacturing to direct spatially
heterogeneous tissue development. On the other hand, Arcaute and coworkers have encapsu‐
lated human dermal fibroblasts in a synthetic poly(ethylene glycol)-dimethacrylate hydrogel
by a SLA technique. Without porous structures and biodegradable properties of the synthetic
polymers, it is hard for the cells to form tissues inside the hydrogel [44]. The integrations of bi‐
omaterials and RP techniques can form a huge “family tree” with many different combina‐
tions. Figure 2 summarizes the integrations of biomaterials with RP techniques and their
potential usages in complex organ manufacturing.

Currently, as the concepts of “factory in a box” and “desktop manufacturing” are expand‐
ing, new applications of RP techniques in architectural design and 3D construct building in‐
crease speedily. Among the most popular RP techniques, the Fab@Home equipments with
an average price of about 3000 US dollars are among the most convenient and cost effective
RP instruments used in biomaterial fabrication field [45].
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Figure 2. A “family tree” indicates various integrations of biomaterials and rapid prototyping techniques.
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At present, the concepts of “scaffolds”, “tissues”, and “organs” are rather confused both in
scientific and industrial areas. Most researchers and manufacturers in the area of tissue engi‐
neering like to label their RP products as “scaffolds”, “tissues”, or “organs”. It is reasonable
to describe an accellular porous 3D structure with a micro-scale internal architecture but
without cells as a “scaffold”. However, those with living cells incorporated should be de‐
fined as “constructs”. Especially, those with cells have already connected to each other to
perform special functions should be called “tissues”. As described in the beginning of the
introduction section, those with more than three different tissue types inside a construct
should be called “organs”. Simple organs, such as the bladder and blood vessels, should
have less than or equal to three tissue types, while complex organs, such as the liver, heart,
and kidney, should posses more than three tissue types. With these definitions, it is easier to
distinguish which RP technique will be useful in complex organ manufacturing.

3. The integrations of biomaterials with RP techniques for complex organ
manufacturing

The ability to put material only into a specific location where it is desired could have a pro‐
found impact on how parts are designed and manufactured [46]. Similarly, the ability to put
different biomaterials (including different cell types) to exact sites where they are desired
could have a profound impact on how complex organs are designed and manufactured. For
example, in a complex organ, such as the liver, at least three different cell types (hepato‐
cytes, stellate cells, and Kupffer cells) are required that function in a construct along with the
three common cell types of a vascular system. The fundamental unit of the liver, the acinus,
has a typical radius of 500 μm. Within this structure at least six cell types interact with one
another to coordinate the diversity of liver functions [46]. The spatially heterogeneous ar‐
rangements of multi-tissues make all the traditional, or existing techniques incapable of
completing this ambitious task.

Over the last ten years, the integration of biomaterials with RP techniques in creating special
3D constructs for various biomedical applications has emerged. The ability to use data from
clinical imaging techniques like magnetic resonance imaging (MRI), computerized tomogra‐
phy (CT) or patient-specific data makes RP techniques particularly useful for biomedical ap‐
plications. Several research groups have adapted different RP techniques to assemble (or
print) cell-laden constructs directly from computer-programmed design models with high
resolution (Table 2) [47-64]. Six unique intelligent RP devices as well as their primary prod‐
ucts are shown in Figure 3[47-52, 65-67]. These processes have demonstrated some possibili‐
ties in the area of complex organ manufacturing. The pros and cons of these techniques in
complex organ manufacturing are outlined in Table 2. Those with only porous 3D scaffolds
are not included here because these integrations have been reported extensively in the for‐
mer reviews [36,37,44,68-79].
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Technique Pros Cons Refs

3D inkjet bioprinting

(3DP) in and

Pittsburgh Clemson

University, USA

Several thermosensitive hydrogels

can be used as biopaper; low

viscosity cell suspensions or

aggregates can be used as bioink;

Cell viability greater than 85%.

Complex 3D constructs are difficult to

realize; limited feature height (< 5 µm);

lack of structural support for cell layer or

cell aggregates; tissue formation into lines

depends on cell or cell aggregate fusion or

assembling; poor mechanical properties.

[47, 48]

3D direct-write

bioprinting in

University of Cornell

and Arizona, USA.

Low and high viscosity hydrogels,

including type 1 collagen and

alginate can be used; high cell

viability (up to 98%); flexible

geometric shapes.

Cell viability depends largely on the inner

diameter of the gauge tip, collagen

concentration and extraction

environments; difficult to control the

collage gel state.

[49, 50]

3D fiber deposition

(3DF) in University

Medical Center

Utrecht, The

Netherlands.

High viscosity hydrogels, such as

Pluronic F127, Matrigel, alginate and

agarose, can be used; multiple cell

types can be incorporated;

homogeneous and heterogeneous

structures can be created.

Limited materials can be used; limited

height of 3D construct (< 10 µm); difficult

cell-cell interactions; poor mechanical

properties.

[51, 52]

3D single/double

syringe cell

assembling (or

pressure assisted

manufacturing

(PAM)) in Tsinghua

University, China.

Gelatin-based hydrogels can be

used; a wide range of biological

components can be incorporated;

variable and hybrid geometric

shapes; high cell viability (more than

98%); easy for long-term storage

and transportation.

Limited materials can be used; weaker

mechanical properties.

[53 - 60]

Double-nozzle low-

temperature

deposition

manufacturing

(DLDM) in Tsinghua

University, China.

A wide range of biomaterials

including both synthetic and natural

polymers can be used; a wide range

of biological components can be

incorporated; arbitrarily hybrid

geometric shapes; high mechanical

properties; easy for long-term

storage and transportation.

Material viscosity and temperature

dependent.

[61 - 64]

Table 2. Comparison of different cell-laden rapid prototyping techniques in complex organ manufacturing

Due to the heterogeneous properties of complex organs both in geometrical structures and
material components, emphases should be given to those RP techniques with further devel‐
opment possibilities in the further integrations of biomaterials and equipments. In the fol‐
lowing part of this section, some special two or multiple syringe/nozzle techniques are
highlighted. In Harvard Medical School, Lee and coworkers have printed a collagen hydro‐
gel precursor, fibroblasts and keratinocytes into a quasi 3D structure for skin repair using a
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robotic platform (Figure 3D) [65]. The procedure involves printing a layer of liquid collagen
to act as a hydrogel precursor. The liquid collagen is crosslinked with a nebulized aqueous
crosslinking agent (sodium bicarbonate) to form a hydrogel that provides structural integri‐
ty for the subsequent cell suspensions. In fact, this technique is an extension of the above
mentioned 3DP or 3DB robotic system with additional syringes as “cartridges” to load two
cell suspensions and hydrogel precursors. Highly viable proliferation of each cell layer (85%
for keratinocytes and 95% for fibroblasts) was observed on both planar and non-planar sur‐
faces. For thin tissue/organ (such as skin/bladder) manufacturing, this technique is a right
choice. However, for complex organ manufacturing, some intrinsic shortcomings, such as
limited printing height, and difficult to control the collagen gelation process, made this tech‐
nique almost incapable.

In University Medical Center Utrecht, The Netherlands, Prof. J Alblas’s group, a special bio‐
scaffolder pneumatic dispensing system (SYS + ENG) was adapted for printing cell-laden
bone tissue repair hydrogels. High viscosity alginate (10% w/v) and BD MatrigelTM (10%
w/v) hydrogels were employed. A limited ten-layer rectangular 3D construct of 10 ×10 mm
with spacing between fibers of 0.8-2.5 mm and a thickness of 100 μm was fabricated and
subsequently crosslinked in a CaCI2 solution [51]. In spite of the limited height, the intercon‐
nected channels are still necessary for oxygen and nutrient delivery, as well as for tissue for‐
mation and vascular ingrowth. There are two critical drawbacks of this technique in
complex organ manufacturing. The first is the poor mechanical properties of the cell-laden
alginate or matrigel hydrogel for use as vascular systems. The second is that low viscosity
hydrogels (including alginate and matrigel) are hard to be assembled into 3D constructs.

In university of Missouri, Norotte and coworkers used agarose rods as a molding template
to print multicellular spheroids with their special bioprinter to form a tubular cell-laden
structure (Figure 3E) [66]. After the fabrication stage, they manually pulled the agarose rods
out of the tube, and concluded that it is a time consuming and labor-/spheroid- intensive
procedure.

4. Some outstanding achievements made in Tsinghua University

In parallel with the above mentioned RP approaches, a series of RP technologies have been
explored extensively by Professor XH Wang’s group at the Center of Organ Manufacturing,
Department of Mechanical Engineering, Tsinghua University, China. State-of-the-art of the
layer-by-layer modeling, material incorporation, and manufacturing principles of these tech‐
niques can be found in some of the pertaining references. The advantages and disadvantag‐
es of these approaches to be used in complex organ manufacturing have also been listed in
Table 2. Previous studies have demonstrated their abilities to engineer complex 3D tissues
using various single/double nozzle/syringe RP systems. In the following section some tech‐
nical specifications are highlighted.
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Figure 3. Several unique intelligent rapid prototyping devices and their functional cell-laden products: A) The inkjet
cell printer and its bagel-like quasi-3D structure developed in Clemson University, prof. T Boland’s group [47]. B) The
robotic printing platform and its crescent construct made in Cornell University, prof. LJ Bonassar’s group [49]. C) The
direct-write system and its preliminary 3D figures developed in University of Arizona, prof. SK Williams’ group [50]. D)
A modular tissue printing platform with 4 ‘cartridges’ to load cell suspensions and hydrogel precursors developed in
Brigham and Women’s Hospital, Harvard Medical School, Prof. S.-S. Yoo’s group [65]. E) A bioprinting tubular struc‐
ture with cellular cylinders developed in University of Missouri, Columbia, USA, Prof. G Forgacs’ group [66]. F) A laser-
guided direct writing (LGDW) system and its patterned factor-linked beads on a stem cell monolayer with micrometer
accuracy (Bar = 200 μm) developed in University of Minnesota, prof. D.J. Odde’s group [67].
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4.1. The single syringe cell assembling technique

Figure 4 shows some of the cell assembling results using our first generation cell assembling
system. A gelatin based hydrogel system, such as gelatin, gelatin/chitosan, gelatin/hyaluron‐
an, gelatin/alginate, gelatin/fibrinogen or gelatin/alginate/fibrinogen, was integrated with a
single syringe cell-assembling machine to obtain the necessary space and stabilizing factors for
cell survival and tissue formation [53-58]. A single cell type was deposited at an ambient tem‐
perature (1~10℃) layer by layer in a chamber as the sol state material was transferred into a hy‐
drogel. Grid hepatic tissues, endodermis, and adipose tissues have been regenerated by using
this single syringe cell-assembly machine at about 8℃. The gelatin based hydrogel network
provided stabilization support for the 3D constructs during the fabrication and post culture
stages. This mild deposition temperature is favorable for biological property preservation as
increased Joule heating can result in loss of cell viabilities and bioactivities. During the culture
period, the gelatin based hydrogel served as both a mass transportation template for tissue de‐
velopment and an extracellular matrix accommodation mimicking the microenvironment in
native organs. The use of the natural gelatin based hydrogels was clearly highlighted the dis‐
tinct advantage of this cell assembly technique for fabricating living tissue analogs. A shortage
of the single nozzle/syringe systems was that, these systems lack the ability to easily create
parts with spatial heterogeneous materials. Consequently, two double nozzle/syringe RP sys‐
tems have been explored to deposit different materials at different temperatures.

Figure 4. Hepatocyte and adipose-derived stem cell (ADSC) assembling based on the first generation of cell assem‐
bling technique developed in Tsinghua University, prof. XH Wang’ group [53-58]
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4.2. The double syringe cell assembling technique

Different from the above single syringe cell assembling technique, a double syringe cell assem‐
bling technique was developed in Tsinghua Unversity with a updated software and hard‐
ware. Gradient and cylindrical architectures consist of two different cell-laden hydrogels have
been fabricated at a temperature range of 8 – 10℃ [59,60]. Two cell lines encapsulated in the
similar gelatin-based hydrogels were put into different regions or compartment in a construct
(Figure 5). The embedded branched networks enable culture medium to flow through the en‐
tire construct with unparalleled geometric complexity. However, there is a fatal shortcoming
of this system to be used in complex organ manufacturing. The mechanical weak properties of
the gelatin-based hydrogel made it impossible to connect the branched construct to an in vivo
vascular system to endure anti-suture anastomosis and blood pressure even after a long-term
in vitro culture period.

Figure 5. Cell assembling based on a two syringe RP technique developed in Tsinghua University, prof. XH Wang’
group. Two different cell types in the gelatin-based hydrogels can be assembled simultaneously into a construct
[59-60].

4.3. The combination of cell assembly and cryopreservation techniques

With the advantages of the gelatin-based hydrogel, cryoprotectants (e.g. dimethyl sulfoxide
(DMSO), glycerol, and dextran-40) can be incorporated into the cell/hydrogel system and the
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constructs can be stored at low temperature (below -80℃) directly after the fabrication stage
(Figure 6). This incorporation technique represents a significant advancement towards the
cell-laden product storage and transport, potentially resulting in labor and resource saving,
clinical availability and medical convenience [80-82]. With the gelatin-based hydrogel vari‐
ous bio-factors including macromolecular cell growth factors, small chemical regulators, and
even genes/drugs can be easily incorporated to the deposition or assembling systems. This
approach is suitable for some special natural thermosetting polymers’ (e.g. gelatin and agar‐
ose) deposition and opens a new avenue for complex organ manufacturing.

Figure 6. The combination of cell assembly and cryopreservation techniques, developed in prof. XH Wang’ group
[80-82].

4.4. The double-nozzle low-temperature deposition manufacturing (DLDM) system

The creation of a geometrically complex branched vascular system is a subject of broad fun‐
damental and technological interest in complex organ manufacturing. With the DLDM sys‐
tem it is easy to deposit two different material systems, especially both synthetic and natural
polymer systems simultaneously in a construct (Figure 7). Grid, tubular and elliptic struc‐
tures with both synthetic and natural polymers, such as PU/gelatin and PU/collagen, have
been produced at a low-temperature range of -20 - -30 ℃ [61-64]. As shown in Figure 7C, PU
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and collagen were successfully assembled into a tubular double layer construct. In Figure
7D, an elliptic hybrid hierarchical PU-cell/hydrogel construct with branched and grid inter‐
nal channels was realized. Cells can survival the heterogeneous fabrication, polymerization/
crosslinking, and even storage stages with a high recovery proliferation ability. Figure 7D
demonstrates that the external out coat was made of a PU/tetraglycol solution to provide
mechanical support for the whole construct. The internal branched and grid channels were
made of a cell/dimethyl sulfoxide (DMSO) containing gelatin/alginate/fibrinogen hydrogel
to encapsulate ADSCs. Both the out coat PU and compartment cell/hydrogel layers possess
microporous, which permit water, oxygen and other small molecules to pass. During the
fabrication stage, a low temperature in the range of -20 - -30 ℃ around the nozzles is an im‐
portant factor to control the sol-gel transformation of the material systems. If the tempera‐
ture is set too high, the deposited fiber (strand) cannot solidify to form a stable 3D structure.
On the other hand, if the temperature is set too low, the fiber is frozen too quickly to fuse
with the previous deposited layer. An optimum deposition temperature has played a central
role in putting the heterogeneous material systems at the desired locations in the construct.

Figure 7. A DLDM technique developed in Tsinghua University, prof. XH Wang’ group. An elliptical hybrid hierarchical
polyurethane and cell/hydrogel construct was fabricated using the DLDM system [61-64].
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This DLDM technique has demonstrated some outstanding merits in complex organ manu‐
facturing with two different material systems that are technologically and biologically inca‐
pable to produce using the other existing or traditional RP techniques. The potential
applications of the assembled elliptic hybrid hierarchical constructs are diverse, such as cell-
cell interaction analyses, stem cell differentiation tracing (pursuing), chemical drug screen‐
ing, and pathogenic mechanism studies. The synthetic PU system can provide elaborate
compartments for cell/hydrogel accommodation. In these compartments, the composition of
the cell/hydrogel mixture becomes the key factor in ensuring spatially uniform cell distribu‐
tion, survival, proliferation and differentiation. By encapsulating the cell/hydrogel mixture
in the PU compartments, the composition and proportion of hydrogel components can be
easily adjusted to meet the necessary requirements for mimicking the natural cellular ar‐
rangements. A maximal cell density (hydrogel-poor and cell-rich) can be easily achieved in
the compartment. The use of gelatin-based hydrogel can even be avoided completely in this
system, irrespective of stabilization of the construct. Compared with the pure cell/gelatin/
alginate/fibrin construct made by the single/double RP systems, the hybrid hierarchical net‐
work can provide much higher mechanical stability and pressure resistance abilities when it
is applied to in vitro pulsatile cultures and in vivo blood vessel anastomoses. Some experi‐
ments have proved that the 3D constructs with intrinsic interconnected branched and grid
channels were easily adapted to an in vitro pulsatile culture and in vivo implantation system
[83-86].

5. A four-nozzle low-temperature deposition manufacturing (FLDM)
system

At present, a FLDM system is under development in professor XH Wang’s group [18]. Fig‐
ure 8 demonstrates the outlook of the machine and a primary try on a liver lobe like struc‐
ture construction. Compared with the DLDM RP system, two more nozzles have been
equipped. Thus, two more cell types can be incorporated simultaneously into a construct.
This amplified integration possesses some outstanding advantages towards complex organ
manufacturing: (i) hierarchically organization of multiple population of cells and growth
factors in a more intricate physiologically mimicking geometry; (ii) simultaneously deposi‐
tion of one scaffold material, a vascular system with two main cell types, and one parenchy‐
mal cell type in a more elegant native tissue-specific phenotype; (iii) computer definition of
the fluid paths and macro/microstructures in a more patient specific manner; and (iv) spatial
distribution of multi-tissue boundaries and fluorescent biomarkers in a more controllable
pattern. This FLDM RP system makes it possible to partially control over the design, model‐
ing and fabrication of a highly hierarchical liver lobe like construct in a rapid, convenient,
and cost effective manner.
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Figure 8. A schematic description of the modeling and manufacturing processes of four liver lobe-like constructs with
a FLDM RP system developed in Tsinghua University, prof. XH Wang’ group [18].

6. Emphases to some technical specifications

Theoretically, RP technology is able to produce any required complex shape. The standard
modeling and deposition technologies enable the hybrid hierarchically ordered patterns to
be generated in an automatic, convenient, and inexpensive manner. Again, we use the liver
as an example. In a liver lobe at least 6 different cell types are structured as repeated units.
These units can achieve high oxygen exchange and nutrient supply for a mass of cells where
the cell sizes are in the range of ~20 μm. This geometry enables a high degree of processing
optimization, which provides the opportunity for RP designers and manufacturers to con‐
trol readily the distribution of different cells in a construct. Stimulated by this motivation,
many groups have tried different RP systems with only thin or quasi-3D cell containing
structures so far. Someone even claims to use scaffold free cell aggregates to print organs.
This has been proven to be a time-consuming process and cells can not find their respective
places in a complex organ without the support of scaffold materials.
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Different from all the existing techniques, the gelatine-based hydrogel has been explored ex‐
tensively as an internal scaffold material with the single/double syringe/nozzle RP techni‐
ques in the author’s own group Tsinghua University. Aqueous gelatin solution is an
amorphous natural hydrogel in which cells can be encapsulated, extruded and deposited at
desired positions [87-90]. This solution is flexible with a gelation temperature of 20℃ and
allow the diffusion of hydrophilic substrates. The sol-gel transform property makes it possi‐
ble to deposit the gelatin-based cell-laden hydrogel at a large range of temperature (from
20℃ to -30℃). However, this hydrogel is not stable at 37℃. The mechanical properties of the
gelatin-based hydrogels are notoriously inadequate and prohibit the use in stress-loaded im‐
plants. To improve the stability of the gelatin-based hydrogels, alginate and fibrinogen were
incorporated. Sodium alginate (composed of mannuronic and guluronic (G) dimmers) is a
biocompatible and biodegradable polymer, and has been widely used in cell encapsulation
technology, although the biocompatibility of the alginates in relation to their composition is
a matter of debate. Sodium alginate can be reversibly cross-linked by divalent cations, such
as Ca+2 and Mg+2, to form a relatively stable hydrogel. Fibrin, derived from blood fibrinogen,
is another natural biocompatible and biodegradable polymer, which has been widely used
as sealant and adhesive during surgery. With the catalyzing of thrombin smaller fibrinogen
molecules can polymerize to form a stable fibrin hydrogel.

In addition to being able to build complex structures with precision and accuracy, it is
equally important that the mechanical properties of the supporting materials are suitable for
the intended applications. A novel linear elastomeric polyurethane from soft polycaprolac‐
tone (PCL) and polyethylene glycol (PEG) segments, and hexamethylene diisocyanate (HDI)
chain extender has been synthesized in the authors’ own group and used as an external scaf‐
fold material. This PU possesses tunable biodegradability, excellent biocompatibility and
compatible mechanical properties with animal veins [91,92]. Long-term in vivo biocompati‐
bility and biodegradability of the PU have been proven with a rabbit model. It has success‐
fully repaired nerve and vein defects without any detected side effects, such as thrombosis,
inflammation, intimal hyperplasia, and calcification. The excellent mechanical properties, bi‐
ocompatibilities, adjust abilities and processing abilities have made this kind of polymer to
be outstanding from the other existing synthetic scaffold biomaterials, such as polyhydroxy‐
butyrate (PHB) [93], poly(D,L-lactic-co-glycolic acid) (PLGA) [94], and poly(tetrafluoroethy‐
lene) (PTFE) [95].

To date, the most widely recognized advantage of the RP technology (i.e. layered manufac‐
turing methodology) is the relative ease of automatically manufacture of complex geometric
shapes with heterogeneous structures composed of multi-material regions. Complex organ
manufacturing aims to automatically produce complex organs directly from CAD models
with high sophisticated RP techniques. Since the earlier concept of complex organ manufac‐
turing using both synthetic and natural scaffold biomaterials and multi-nozzle RP techni‐
ques was first introduced in 2007, the present technique was developed gradually [13-18].
As displayed in Figure 7D, the virtual elliptic construct with branched fluidic network has
been designed and fabricated according to a pre-defined CAD software. The integration of
the DLDM RP technique with the cell cryopreservation technique together with the mechan‐
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ically strong enough synthetic PU scaffold enables us to efficiently produce spatially hetero‐
geneous cell-laden tissue/organ substitutes that would otherwise be challenging to achieve
[61-64]. This integrated technique therefore has the potential to lead a big revolution in the
fields of tissue engineering and regenerative medicine.

It is expected that in the following several years these integrated RP technologies will see
their major break-through development stage and play a key role in complex organ manu‐
facturing area. With the proper integrations of biomaterials and enabling RP techniques, it is
possible for us to address all the challenges involved in complex organ manufacturing and
to make the realization of complex organ manufacturing both feasible and practical. These
proper integrations also benefit some of other related areas, such as high throughput drug
screening, stem cell differentiation induction, fluorescent dye discovering, energy metabolite
model establishing and cancer/stem cell behavior controlling.

7. Concluding remarks

The goal of complex organ manufacturing is to directly fabricate multiple cell types into an
organ substitute using a multiple nozzle RP system. Analogous to the process of building a
nuclear power plant, complex organ manufacturing requires the ability to control the posi‐
tions of many cell types, internal/external scaffold materials, and even cell growth factors on
the nano-, micro-, and macro-scales with respect to each others. The integrations of biomate‐
rials and RP techniques have significantly improved the ability to manufacture cell-laden
constructions with predefined geometries under the instructions of CAD models or medical
data (for example, patient-specific images). Especially, recent advances in DLDM and FLDM
RP techniques in Tsinghua University have leveraged these progresses. Although still at its
infant stages and associated with numerous problems, ever-increasing evidence supports
the intriguing hypothesis that the integrations of multiple biomaterials (including multiple
cell types) and multiple nozzle RP techniques will eventually change the traditional practi‐
ces and make the dreams of complex organ manufacturing come true. It is expected that in
the future, most of the reconstructive disciplines of complex organ manufacturing will be
fully revised by the development of new multiple nozzle RP systems with optimal safety,
easy manipulation ability and maximum reliability. Multiple nozzle RP techniques will un‐
doubtedly play an important role in the future complex organ manufacturing area. Cells in
the engineered construct will potentially behave as comfortably as in their natural in vivo
environment. Further studies are therefore needed to elucidate and determine the funda‐
mental structure-function relationships of diverse tissues in a complex organ, the nutrition
supply systems and the heterogeneous structural cues to promote full functional realization
in a complex organ. Ever increasing evidences have indicated that with the right integra‐
tions of biomaterials and RP techniques, a brand-new era of complex organ manufacturing
like the rising sun, is on the horizon.
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1. Introduction

Recent  advances  in  Regenerative  Biology  and  Regenerative  Medicine  are  impressive
and  in  the  last  years  the  scientific  community  has  witnessed  the  emergence  of  many
new  concepts  and  discoveries.  Until  a  few  years  ago,  biological  tissues  were  regarded
as  unable  of  extensive  regeneration,  but  nowadays  organs  and  tissues  like  the  brain,
spinal  cord  or  cardiac  muscles  appear  as  capable  to  be  reconstructed,  based  on  “stem
cells” [1].

Stem cell research has sparked an international effort due to the variety of possible uses
in clinical procedures to treat diseases and improve health and life expectancy. Stem cell
research has crossed a century journey and has evolved greatly even in its  own defini‐
tion.  In  1967,  Lajtha  defined  that  adult  stem cells  could  only  be  found in  regenerative
organs, such as blood, intestine, cartilage, bone and skin. Nowadays, these cells are con‐
sidered to exist  even in tissues with no commitment to regeneration such as the central
nervous system [1, 2].
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2. Stem cells

Stem cells  are  undifferentiated cells,  with endless  self-renewal  sustained proliferation in
vitro  and  multilineage  differentiation  capacity  [3].  This  in  vitro  multilineage  differentia‐
tion capacity has targeted these cells with extreme importance for use in tissue and cell-
based therapies.

The first stem cell appearance is in the early zygotic cells, which are totipotent and give rise
to the blastocyst. They are capable to differentiate into all cell and tissue types. With differ‐
entiation, cells become less capable of self-renewal and differentiation in other cell type be‐
comes more limited [1]. Stem cells can be loosely classified into 3 broad categories based on
their growth behavior and isolation time during ontogenesis: embryonic, fetal and adult.

Embryonic stem cells (ESCs) were first observed in a pre-implantation embryo by Bongso
and colleagues in 1994 [4]. Since then, many cell lines and a multiplicity of tissues have been
successfully derived from ESCs and tested in several animal disease models [5-7]. Neverthe‐
less, post-transplantation immune-rejection has been a major problem. Many studies are be‐
ing conducted to avoid this major issue. This could be resolved by personalizing tissues
through somatic nuclear transfer (NT) or induced pluripotent stem cells (iPSC) techniques
[8], but the teratoma development in animals is still a concern and a serious problem [9]. In
order to overcome the limitations placed by ESCs and iPSCs, a variety of adult stem cell
populations have been recently isolated and characterized for their potential clinical use.
While still multipotent, adult stem cells have long been considered restricted, giving rise on‐
ly to progeny of their resident tissues [9]. In vivo, adult stem cells exist in a quiescent state,
located in almost all tissues, until mediators activate them to restore and repair injured tis‐
sues. These cells are surrounded by mature cells that have reached the end line in terms of
differentiation and proliferation [10]. Stem cell research focuses on the development of cell
and tissue differentiation, so as characterization techniques, for tissue and cell identification
with marker patterns. Such protocols are essential for regenerative therapies [11].

 

2.1. Mesenchymal stem cells

The development of cell-based therapies for cartilage [12] and skin [13] reconstruction
marks the beginning of a new age in tissue regeneration. Mesenchymal stem cells (MSCs)
have become one of the most interesting targets for tissue regeneration due to their high
plasticity, proliferative and differentiation capacity together with their attractive immuno‐
suppressive properties. MSCs present low immunogenicity and high immunosuppressive
properties due to a decreased or even absence of Human Leucocyte Antigen (HLA) class II
expression [14]. Research in this field has brought exciting promises in many disorders and
therefore in tissue regeneration. Currently the differentiation potential of MSCs in multiline‐
age end-stage cells is already proven, and their potential for treatment of cardiovascular
[15], neurological [16], musculoskeletal [17, 18], and cutaneous [19] diseases is now well es‐
tablished. Fibroblast colony-forming units or marrow stromal cells, currently named MSCs,
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were first isolated in 1968 from rat bone marrow [20]. These cells were clonogenic, formed
colonies when cultured, and were able to differentiate in vitro into bone, cartilage, adipose
tissue, tendon, muscle and fibrous tissue. Since then many other tissues have been used to
isolate these cells. MSCs can be obtained from many different tissues, including bone mar‐
row, adipose tissue, skeletal muscle, umbilical cord matrix and blood, placental tissue, amni‐
otic fluid, synovial membranes, dental pulp, fetal blood, liver, and lung [21]. The concept of
MSCs is based on their ability to differentiate into a variety of mesodermal tissues and was
first proposed by Caplan in 1991 [22] and further validated by additional research in 1999
[23]. Due to the many different methods and approaches used for MSCs culture, the Mesen‐
chymal and Tissue Stem Cell Committee, of the International Society for Cellular Therapy
(ISCT), recommended several standards do define MSCs [24]. Therefore, MSCs are defined
as presenting: i) plastic adherent ability; ii) absence of definitive hematopoietic lineage
markers, such as CD45, CD34, CD14, CD11b, CD79α, CD19 and class-II Major Histocompati‐
bility Complex (MHC) molecules, specially HLA-DR; and expression of nonspecific markers
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2.1.1. MSCs sources and validation of transport and processing protocols

Bone marrow, adipose tissue, umbilical cord blood and umbilical cord matrix have been
considered the main sources of MSCs for tissue engineering purposes. Among these sources,
bone marrow represents the main source of MSCs for cell therapy. However, the prolifera‐
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tive capacity [40-43], differentiation potential and clonal expandability [44] of MSCs derived
from bone marrow decrease significantly with age, gender and seeding density, and the
number of cells per marrow aspirate is usually quite low [3, 45]. It is still a mystery if MSCs
ageing is due to factors intrinsic or extrinsic to the cells. Many possible reasons have been
described in an attempt to explain MSCs ageing. Possible extrinsic factors include: reduced
synthesis of proteoglycans and glycosaminoglycans reducing proliferation and viability [46],
and production of glycosylated end products, inducing apoptosis and reactive oxygen spe‐
cies [47]. Intrinsic factors causing MSCs ageing might include: cell senescence-associated β-
galactosidase and higher expression of p53 and pathway genes p21 and BAX, resulting in
blunted proliferation potential [43]. Regarding seeding density, many authors suggest that
lower seeding densities induce faster proliferation rates [48, 49]. This has been explained by
contact inhibition in higher seeding densities [49], and higher nutrient availability per cell in
lower seeding densities [49]. Use of bone marrow MSCs has disadvantages; donors are sub‐
mitted to invasive harvest of bone marrow. This raises the need to find alternative sources of
MSCs for autologous and allogenic use. Candidate tissue sources should provide MSCs dis‐
playing high proliferative and differentiation potency [50].

Extra-embryonic tissues are a good alternative to adult donor. This tissues, such as, amn‐
ion, microvillus, Wharton’s jelly and umbilical cord perivascular cells, are routinely discard‐
ed at child-birth, so little ethical and religious controversy attends the harvesting of the
resident stem cell populations. The comparatively large volume of extra-embryonic tis‐
sues increases the chance of isolating suitable amounts of stem cells, despite the complex
and expensive procedures needed for their isolation. Some protocols use enzymatic diges‐
tion while others use enzyme-free tissue explant methods that require longer culture time
[51]. There are also MSCs in cord blood (CB), but many studies report low frequency of
these cells and unsuccessful isolation. However, Zhang and colleagues were able to iso‐
late MSCs from CB with a 90% successful rate when CB volume was ≥ 90ml and a trans‐
port time until storage was ≤ 2 hours [51].

In recent years, MSCs derived from umbilical cord matrix Wharton’s jelly, have attracted
much interest. Wharton’s jelly is a mature mucous tissue and the main component of the
umbilical cord, connecting the umbilical vessels to the amniotic epithelium. Umbilical cord
derives from extra-embryonic or embryonic mesoderm; at birth it weighs about 40g and
measures approximately 30-65cm in length and 1.5cm in width [52]. Anyway, individual
differences are observed within newborn babies. Fong and colleagues characterized Whar‐
ton’s Jelly stem cells and found the presence of both embryonic and MSCs, targeting this
source as unique and of valuable use for clinical applications. MSCs from the Wharton’s jel‐
ly can be cultured with little or even no major loss trough at least 50 passages [53].

CB and more recently, umbilical cord tissue (UCT) have been stored cryopreserved in pri‐
vate and public cord blood and tissue banks worldwide in order to obtain hematopoietic
and MSCs and, although guidelines exist (Netcord – Foundation for the Accreditation of
Cellular Therapy), standardized procedures for CB and UCT transport from the hospital /
clinic to the laboratory, storage, processing, cryopreservation and thawing are still awaited.
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These may be critical in order to obtain higher viable stem cells number after thawing and
limit microbiological contamination.

Our research group focused in determining whether UCT storage and transport from the
hospital / clinical to the laboratory at room temperature (RT) or refrigerated (4-6°C) and im‐
mersed in several sterile saline solutions affects the UCT integrity in order to be cryopre‐
served. The umbilical cord contains two arteries and one vein, which are surrounded by
mucoid connective tissue, and this is called the Wharton’s jelly. The cord is covered by an
epithelium derived from the enveloping amnion. The interlaced collagen fibers and small,
woven bundles are arranged to form a continuous soft skeleton that encases the umbilical
vessels. In the Wharton’s jelly, the most abundant glycosaminoglycan is hyaluronic acid,
which forms a hydrated gel around the fibroblasts and collagen fibrils and maintains the tis‐
sue architecture of the umbilical cord by protecting it from pressure [54].

One centimeter-long fragments of umbilical cords (N = 12) were collected from healthy do‐
nors after written informed consent and following validated procedures according to the
clinical and technical guidelines of the Private Bank Biosckin, Molecular and Cell Therapies,
SA (authorized for processing and cryopreserving CB and UCT units by the Portuguese
Minister of Health, ASST – Autoridade para os Serviços de Sangue e de Transplantação).
The 1 cm fragments were immersed for 168 hours in 4 different sterile saline solutions at RT
(22-24°C) and refrigerated (4-6°C): NaCl 0.9% (Labesfal, Portugal), AOSEPT®-PLUS (Ciba
Vision, Portugal), Dulbecco’s Phosphate-Buffered Saline without calcium, magnesium and
phenol red (DPBS, Gibco, Invitrogen, Portugal) and Hank’s Balanced Salt Solution (HBSS,
Gibco, Invitrogen, Portugal). The preservative-free, aqueous AOSEPT® PLUS solution con‐
tains hydrogen peroxide 3%, phosphonic acid (stabiliser), sodium chloride, phosphate (buf‐
fer system), and poloxamer (surfactant), and is usually used to transport and wash contact
lenses. After 168 hours, the fragments were collected in 4% of paraformaldehyde and proc‐
essed for light microscopy. The samples were fixed in 4% paraformaldehyde for 4 hours and
then washed and conserved in phosphate buffer saline (PBS) until embedding. The speci‐
mens were dehydrated and embedded in paraffin and cut at 10 μm perpendicular to the
main umbilical cord axis. For light microscope analysis, sections were stained with haema‐
toxylin and eosin (HE) and observed with a Leica DM400 microscope equipped with a Leica
DFC320 digital camera. The UCT integrity was evaluated through the following parameters:

i. detachment of vessels and retraction of vascular structures;

ii. loss of detail and integrity of the endothelium;

iii. connective tissue degradation;

iv. autolysis of fat (impossible to assess, due to histological technique); and

v. loss of detail and integrity of the mesothelium.

It was concluded that the best transport solutions were HBSS or DPBS at a temperature of
4-6°C since those maintained the histological structure of UC evaluated through those 5 pa‐
rameters previously referred (Figure 1 and Figure 2).
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Figure 1. Cross section of an umbilical cord transported immersed in DPBS at the refrigerated temperature of 4-6°C.
Samples were stained with haematoxylin and eosin (HE). Magnification: 10X.

Figure 2. Cross section of an umbilical cord transported immersed in DPBS at the refrigerated temperature of 4-6°C.
Samples were stained with haematoxylin and eosin (HE). The UCT integrity was quality evaluated through the follow‐
ing parameters: i) detachment of vessels and retraction of vascular structures; ii) loss of detail and integrity of the en‐
dothelium; iii) connective tissue degradation; iv) autolysis of fat (impossible to assess, due to histological technique);
and v) loss of detail and integrity of the mesothelium. Magnification: 40X.

As a matter of fact, the UC immersed for 168 hours in DPBS and HBSS at refrigerated tem‐
perature presented integrity of the histological structure comparable to a UC collected and
processed for histological analysis immediately after birth (Figure 3). With DPBS, a slight re‐
traction of the vessels was noted, which is advantageous since the vessels are stripped and
discarded before cryopreservation of the UCT. It was concluded that the transport of the UC
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from the hospital / clinic to the cryopreservation laboratory should be performed with the
UC immersed in DPBS or HBSS at refrigerated temperatures.

Figure 3. Cross section of an umbilical cord collected and processed for histological analysis immediately after birth under
optimal conditions according to Netcord guidelines. Stained with haematoxylin and eosin (HE). Magnification: 40X.

The isolation and culture of MSCs from the Wharton’s jelly was performed by our research
group in order to obtain undifferentiated MSCs and in vitro differentiated into neural-like
cells to be tested in axonotmesis and neurotmesis lesions of the rat sciatic nerve. The isola‐
tion has been performed by enzyme-free tissue explant and enzymatic isolation. Despite our
standard approaches, we are aware that there are still significant variations that exist be‐
tween laboratory protocols, which must be taken into account when comparing results us‐
ing other methodologies. There is a wide range of individual differences among donor
tissues also and our protocols usually use 15 - 20 cm of UC. While most UC samples will
provide a reasonable number of MSCs using the provided protocols, some samples may re‐
sult in sub-optimal cell isolation and expansion. The reasons behind this phenomenon still
remain to be clarified, but as we have previously mentioned, the temperature and the time
of transport from the hospital / clinic to the cryopreservation laboratory is crucial.

Irrespective of the specific protocol, the washing procedure of the umbilical cord fragments is
crucial in order to avoid microbiological contamination of the cultures. After obtaining the writ‐
ten informed consent from the parents, fresh human umbilical cords are obtained after birth
and collected in HBSS or DPBS at 4-6°C, as it was previously described. After washing the um‐
bilical cord unit 4 times in rising DPBS, disinfection is performed in 75% ethanol for 30 sec‐
onds. Finally, and before the dissection step, umbilical cord unit is washed in DPBS. The vessels
are usually stripped with UC unit still immersed in DPBS. Once washing step in MSCs isola‐
tion and culture is essential to achieve good UCT units for cryopreservation and future clini‐
cal use, washing protocol was validated. DPBS from the first washing step (used immediately
after collection for transportation of the unit to the laboratory – washing step 1 solution) and
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DPBS used in washing step after disinfection in 75% ethanol (washing step 6 solution) from 14
umbilical cord units (N = 14) collected from healthy donors and transported from the hospital/
clinic at 4-6°C in less than 96 hours were tested for microbiological contamination using BacT/
ALERT® (bioMérieux). Each unit was tested for aerobic and anaerobic microorganisms and
fungi using 10 ml of the washing step 1 solution and washing step 6 solution which were asepti‐
cally introduced into the BacT/ALERT® testing flasks. All procedures were performed in a lam‐
inar flow tissue culture hood under sterile conditions. All the units that presented microbial
contamination in DPBS obtained from the first washing step (washing step 1 solution) present‐
ed no contamination in the analysis performed to DPBS from the last washing step immediate‐
ly performed before MSCs isolation or UCT cryopreservation (washing step 6 solution). The
following microorganisms were identified in the DPBS solution from the first washing step:
Staphylococcus lugdunensis (N = 2); Staphylococcus epidermidis (N = 1); Staphylococcus coagulase
(N = 2); Escherichia coli (N = 4); Enterococcus faecalis (N = 1); and Streptococcus sanguinis (N = 1).
The DPBS solution from the first washing step (washing step 1 solution) from 3 units was neg‐
ative for microbial contamination (N = 3). These results permitted us to conclude that the wash‐
ing protocol was 100% efficient in what concerns microbiological elimination (including aerobic
and anaerobic bacteria, yeast and fungi).

Once the transport and washing protocols were validated, it was important to isolate and
expand in vitro the MSCs from the UCT units for pre-clinical trials.

Figure 4. MSCs isolated from Wharton’s jelly using the “enzymatic protocol” exhibiting a mesenchymal-like shape
with a flat polygonal morphology. Magnification: 100x.

In the “enzymatic procedure” we use collagenase type I (Sigma-Aldrich). With the written
informed consent from the parents, fresh human umbilical cords were obtained after birth
and stored in HBSS (Gibco, Invitrogen, Portugal) for 1–48 hours before tissue processing to
obtain MSCs. After removal of blood vessels, the mesenchymal tissue is scraped off from the
Wharton’s jelly with a scalpel and centrifuged at 250 g for 5 minutes at room temperature
and the pellet is washed with serum-free Dulbecco’s modified Eagle’s medium (DMEM,
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Gibco, Invitrogen, Portugal). Next, the cells are centrifuged at 250 g for 5 minutes at room
temperature and then treated with collagenase (2 mg/ml) for 16 hours at 37°C,washed, and
treated with 2.5% trypsin-EDTA solution (Sigma-Aldrich) for 30 minutes at 37°C with agita‐
tion. Finally, the cells are washed and cultured in DMEM (Gibco, Invitrogen, Portugal) sup‐
plemented with 10% fetal bovine serum (FBS), glucose (4.5 g/l), 1% (w/v) penicillin and
streptomycin (Sigma), and 2.5 mg/ml amphotericin B (Sigma) in 5% CO2 in a 37°C incubator
(Nuaire). Around 2 × 105 cells are plated into each T75 flask in 10 ml culture medium. Cells
are allowed to attach and grow for 3 days. To remove the non-adherent cells or fragments,
the flasks are gently washed using pre-warmed DPBS after which 10 ml of pre-warmed cul‐
ture medium is added. The culture medium is changed every third day (or twice per week).
Confluence (80-90%) is normally reached at day 12–16, and the cells are removed with pre-
warmed trypsin-EDTA solution (4 ml per flask), for 10 min at 37°C. The cells are plated onto
poly-l-lysine coated glass coverslips (in 6- or 24-well tissue culture plates) or on biomaterials
used in the nerve reconstruction. Normally, 5000 cells/cm2 are plated on the coverslips or on
the membranes (Figure 4).

In our “enzyme-free tissue explant protocol” for isolation of MSCs, enzymatic digestion is not
employed. The mesenchymal tissue (Wharton’s jelly) is diced into cubes of about 0.5 cm3 and
the remaining vessels are removed by dissection. Using a sterile scalp, the cubes are diced in
1-2 mm fragments and transferred to a Petri dish pre-coated with poly-l-lysine (Sigma) with
Mesenchymal Stem Cell Medium (PromoCell, C-28010) supplemented with 1% (w/v) penicil‐
lin and streptomycin (Sigma), and 2.5 mg/ml amphotericin B (Sigma) and cultured in 5% CO2

in a 37°C incubator (Nuaire). Some tissue fragments will allow cell migration from the ex‐
plants in 3-4 days incubation. Confluence is normally obtained 15-21 days after.

The laboratory’s processing and cryopreservation protocols of the UCT units following the
technical procedures of Biosckin, Molecular and Cell Therapies S.A. (BSK.LCV.PT.7) were
validated for the ability of isolating and expanding in vitro MSCs after cryopreserved UCT
thawing. The protocols of processing and cryopreservation of the UCT are protected by a
Confidentiality Agreement between Biosckin, Molecular and Cell Therapies S.A. and all the
involved researchers. Briefly, the UCT collected from healthy donors (N = 60), and according
to Netcord guidelines and following the Portuguese law 12/2009 (Diário da República, lei
12/2009 de 26 de Março de 2009) is diced into cubes of about 0.5 cm3 and the remaining vessels
are removed by dissection. In order to ensure the viability of the UCT after parturition and
limit the microbiological contamination of the samples, the umbilical cords were transported
from the hospital / clinic to the laboratory at refrigerated temperatures monitored by a data‐
lloger in less than 72 hours. The UCT units from 15-20 centimeters-long umbilical cords and
after the blood vessels dissection are treated and processed for cryopreservation using a cry‐
oprotective solution (freezing medium). The UCT units are transferred to a computer-con‐
trolled slow rate freezer (Sylab, Consensus, Portugal) and a nine-step freezing program is
used to set up the time, temperature, and rates specifically optimized for the human umbili‐
cal cord-MSCs cooling. To thaw frozen cells, the cryovials are transferred directly to a 37°C
water bath. Upon thawing in less than a minute, the cell suspension is centrifuged at 150 × g
for 10 min, and the supernatant is gently removed and the cell pellet is resuspended in cul‐
ture medium. It was possible to obtain MSCs in culture from 52 out of 60 thawed UCT units.

Mesenchymal Stem Cells from Extra-Embryonic Tissues for Tissue Engineering – Regeneration of the Peripheral Nerve
http://dx.doi.org/10.5772/53336

473



In some UCT cryopreserved units (N = 8) it was not possible to isolate MSCs due to increase
number of erythrocytes’ lysis or microbiological contamination during cell culture. The
MSCs morphology was observed in an inverted microscope (Zeiss, Germany) at different
points of expansion. The MSCs exhibited a mesenchymal-like shape with a flat and polygo‐
nal morphology. The MSCs obtained were characterized by flow cytometry (FACSCalibur®,
BD Biosciences) analysis for a comprehensive panel of markers, such as PECAM (CD31),
HCAM (CD44), CD45, and Endoglin (CD105). In the presence of neurogenic medium, the
MSCs were able to, became exceedingly long and there was a formation of typical neuro‐
glial-like cells with multi-branches and secondary branches. These results permitted to con‐
clude that the processing and cooling protocols used for UCT units’ cryopreservation were
adequate to preserve the UCT viability since it was possible to isolate and expand MSCs af‐
ter appropriate thaw and in presence of adequate cell culture conditions.

An established and ready-to-use Human MSC cell line was also employed for promoting ax‐
onotmesis and neurotmesis lesions regeneration. Human MSCs from Wharton’s jelly umbili‐
cal cord were purchased from PromoCell GmbH (C-12971, lot-number: 8082606.7).
Cryopreservated cells are cultured and maintained in a humidified atmosphere with 5%
CO2 at 37°C. Mesenchymal Stem Cell Medium (PromoCell, C-28010) is replaced every 48
hours. At 80-90% confluence, cells are harvested with 0.25% trypsin with EDTA (Gibco) and
passed into a new flask for further expansion. MSCs at a concentration of 2500 cells/ml are
cultured on poli-D-lysine coverslips (Sigma) or on biomaterials membranes and after 24
hours cells exhibit 30-40% confluence. Differentiation into neuroglial-like cells is induced
with MSC neurogenic medium (Promocell, C-28015). Medium is normally replaced every 24
hours during 3 days. The formation of neuroglial-like cells can be observed after 24 hours in
an inverted microscope (Zeiss, Germany) (Figure 5 and Figure 6).

Figure 5. MSC cell line from Wharton’s jelly (PromoCell) exhibiting a mesenchymal-like shape with a flat polygonal
morphology. Magnification: 100x.
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Figure 6. MSC cell line from Wharton’s jelly (PromoCell) after 72h of incubation in neurogenic medium. The cells be‐
came exceedingly long and there is a formation of typical neuroglial-like cells with multibranches. Magnification: 100x.

This established human MSC cell line is preferred for in vivo testing in rats, since the number
of MSCs obtained is higher in a shorter culture time, it is not dependent on donors availabil‐
ity and ethic committee authorization, and the protocol is much less time consuming which
is advantageous for pre-clinical trials with a large number of experimental animals. As a
matter of fact, there is no need of administrating immunosuppressive treatment to the ex‐
perimental animals during the entire healing period after the surgical procedure. The phe‐
notype of MSCs was assessed by PromoCell. Rigid quality control tests are performed for
each lot of PromoCell MSCs isolated from Wharton’s jelly of umbilical cord. MSCs are tested
for cell morphology, adherence rate and viability. Furthermore, each cell lot is characterized
by flow cytometry analysis for a comprehensive panel of markers.

The MSCs isolated with the two protocols described (from fresh and the cryopreserved UCT
units) and from the established Promocell cell line exhibited a mesenchymal-like shape with
a flat and polygonal morphology. During expansion the cells became long spindle-shaped
and colonized the whole culturing surface. After 96 hours of culture in neurogenic medium,
cells changed in morphology. The cells became exceedingly long and there was a formation
of typical neuroglial-like cells with multi-branches and secondary branches. Giemsa-stained
cells of differentiated MSC cell line at passage 5 were analyzed for cytogenetic characteriza‐
tion. However, no metaphases were found, therefore the karyotype could not be established.
The karyotype of undifferentiated HMSCs was determined previously and no structural al‐
terations were found demonstrating absence of neoplastic characteristics in these cells, as
well as chromosomal stability to the cell culture procedures [55, 56]. The differentiated
MSCs karyotype could not be established, since no dividing cells were obtained at passage
5, which can be in agreement with the degree of differentiation. The karyotype analysis of
undifferentiated MSCs previously determined, excluded the presence of neoplastic cells,
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thus supporting the suitability of our cell culture and differentiation procedures. This con‐
cern also resulted from our previous experience with N1E-115 neoplastic cell line and the
negative results we obtained in the treatment of axonotmesis and neurotmesis injuries
[57-59]. Nevertheless, undifferentiated MSCs from the Wharton’s jelly culture (obtained
from either protocol or from the Promocell cell line) showed normal morphology when in‐
spected with an inverted microscope (Figure 7).

The differentiation was tested based on the expression of typical neuronal markers such as
GFAP, GAP-43 and NeuN by neural-like cells attained from MSCs. Undifferentiated MSCs
were negatively labeled to GFAP, GAP-43 and NeuN. After 96 hours of differentiation the
attained cells were positively stained for glial protein GFAP and for the growth-associated
protein GAP-43. All nucleus of neural-like cells were also labeled with the neuron specific
nuclear protein called NeuN showing that differentiation of MSCs in neural-like cells was
successfully achieved for MSCs obtained from UCT (fresh and cryopreserved) and for the
Promocell MSC cell line (Figure 8) [55].

2.1.2. Differentiation into neuroglial-like cells

MSCs express nestin, a maker for neural and other stem cells [60, 61] and can be differentiat‐
ed in adipose tissue, bone, cartilage, skeletal muscle cells, cardiomyocyte-like cells, and neu‐
roglial-like cells [54, 55, 60, 62], presenting great potential to biomedical engineering
applications. These cells fit into the category of primitive stromal cells and because they are
abundant and inexpensive, they might be very useful for regenerative medicine and biotech‐
nology applications.

By employing neuron-conditioned media, sonic hedgehog and fibroblast growth factor 8,
MSCs isolated from the Wharton’s jelly can be induced toward dopaminergic neurons.
These cells have been transplanted into hemiparkinsonian rats where they prevented the
progressive degeneration/behavioral deterioration seen in these rats [63]. Rat MSCs isolated
from the Wharton’s jelly when transplanted into brains of rats with global cerebral ischemia
significantly reduced neuronal loss, apparently due to a rescue phenomenon [64]. Neuronal
differentiation of human MSCs could also provide cells to replace neurons lost due to neuro‐
degenerative diseases. Recent studies showed that transplanted MSCs-derived neurons be‐
come electrophysiologically integrated within the host neural tissue [65]. However, all these
therapeutic applications need uniform and reproducible regulation.

A consequence of cell metabolism during in vitro expansion is that culture conditions are
constantly changing. The comprehension and optimization of the expansion and differentia‐
tion process will contribute to maximization of cell yield, reduced need of cell culture, and a
decrease in total processing costs [66, 67]. Elucidation of regulatory mechanisms of MSCs
differentiation will allow optimization of in vitro culture and their clinical use in the treat‐
ment of neural-related diseases. Research is being performed to optimize expansion process
parameters in order to grow MSCs in a controlled, reproducible, and cost-effective way [68].
Metabolism is certainly one of these parameters.
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3. Regeneration and in vivo testing

With the world wide global increase in life expectancy, a variety of disabling diseases with
large impact on human population are arising. This includes cardiovascular, neurological,
musculoskeletal, and malignancies. Therefore, it is imperative that new and more effective
treatment methods are developed to correct for these changes. Further research with experi‐
mental animal systems is required to translate to in vivo cell-based therapy that has been
extensively investigated in vitro [1]. Stem cell biology is probably the golden key for cell
therapies and regenerative medicine. Regeneration is the physical process where remaining
tissues organize themselves to replace missing or injured tissues in vivo [39].

It has been speculated that once MSCs have the potential to differentiate into several tissues,
they might be responsible for turnover and maintenance of adult tissues, just like hemato‐
poietic stem cells have this role in blood cells [69]. First, it was believed that after injection of
MSCs, these were able to migrate to the damaged site and to differentiate into ones with the
appropriate function for repairing, so MSCs could mediate tissue repair through there mul‐
tilineage capacity replacing damaged cells. Subsequent studies have suggested that the
mechanism used by MSCs for tissue repairing is not really this way. This new idea was rein‐
forced by the confirmation that this cells homed to damaged site, particularly to spots of hy‐
poxia, inflammation and apoptosis [70, 71].

Recent studies demonstrated that transplanted MSCs modified the surrounding tissue mi‐
croenvironment, promoting repair with functional improvement by secretion factors
(known as paracrine effect), stimulation of preexisting stem cells in the original tissue and
decreasing of inflammation and immune response [72]. Other studies have demonstrated
that MSC-conditioned media by itself could have therapeutic effects. All this data suggest
that MSC apply a reparative effect on injured side through its paracrine effects [73].

It is necessary to overcome some barriers before a cell-based therapy becomes routine in
clinics, including the cell number and the administration way of treatment. MSCs are diffi‐
cult to be maintained stable in culture for long time, but due to their short doubling time, if
at the outset many cells are harvested they may be properly scaled up in primary culture,
never forgetting the ideal seeding number [39].

MSCs are an attractive candidate for cell-based regenerative therapy; the evidence is that
currently there are 139 trial registries for MSC therapy 27 of which are based on umbilical
cord MSCs [74].

3.1. Nerve regeneration

After Central Nervous System (CNS) lesions, Peripheral Nervous System (PNS) injuries are
the ones with minor successes in terms of functional recovery. These kinds of injuries are
frequent in clinical practice. About two centuries ago it was assumed that these nerves
would never regenerate. Indeed, scientific and clinical knowledge greatly increased in this
area. Nevertheless, a full understanding of axonal recovery and treatment of nerve defects,
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especially complete functional achievement and organ reinnervation after nerve injury, still
remains the principle challenge of regenerative biology and medicine [75, 76].

3.1.1. Nerve repair

Many peripheral nerve injuries can only be dealt through reconstructive surgical proce‐
dures. Despite continuous refinement of microsurgery techniques, peripheral nerve repair
still stands as one of the most challenging tasks in neurosurgery, as functional recovery is
rarely satisfactory in these patients [76]. Direct repair should be the procedure of choice
whenever tension-free suturing is possible; however, patients with loss of nerve tissue, re‐
sulting in a nerve gap, are considered for a nerve graft procedure. In these cases, the donor
nerves used for grafting are commonly expendable sensory nerves. This technique, howev‐
er, has some disadvantages, with the most prominent being donor site morbidity, that may
lead to a secondary sensory deficit and occasionally neuroma and pain. In addition, no do‐
nor and recipient nerve diameters often occurs which might be the basis for poor functional
recovery. Alternatives to peripheral nerve grafts include cadaver nerve segments allografts,
end-to-side neurorrhaphy, and entubulation by means of autologous non-nervous tissues,
such as vein and muscles [76]. One advantage of these allografts compared with the auto‐
grafts is the absence of donor site morbidity and theoretically the unlimited length of tissue
available [77]. Experimental work from a number of laboratories has emphasized the impor‐
tance of entubulation for peripheral nerve repair to manage nerve defects that cannot be
bridged without tension (neurotmesis with loss of nerve tissue). Nerves will regenerate from
the proximal nerve stump towards the distal one, whereas neuroma formation and in‐
growth of fibrous tissue into the nerve gap are prevented [78]. The reliability of animal mod‐
els is crucial for PN research, including therapeutic strategies using biomaterials and cellular
systems. As a matter of fact, rodents, particularly the rat and the mouse, have become the
most frequently used animal models for the study of peripheral nerve regeneration because
of the widespread availability of these animals as well as the distribution of their nerve
trunks which is similar to humans [79]. Because of its PN size, the rat sciatic nerve has been
the most commonly experimental model used in studies concerning the PN regeneration
and possible therapeutic approaches [80]. Functional recovery after PN injury is frequently
incomplete, even with adequate microsurgery, so, many research and clinical studies have
been performed including biomaterials for tube-guides. Since the 80’s, Food and Drug Ad‐
ministration (FDA) has approved a variety of these biomaterials both natural and synthetic.
The ideal biomaterial nerve graft should increase number, length and speed of axon regen‐
eration [77]. It should be:

i. biocompatible, not toxic neither present undesired immunologic response;

ii. permeable enough to permit nutrient and oxygen diffusion and allows cell support
systems;

iii. flexible and soft to avoid compression;

iv. biodegradable, the ideal rate is to remain intact during axon regeneration across
nerve gap and after degrade softly and
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v. technically reproducible, transparent, easy to manipulate, and sterilize [81].

Currently 3 types of materials are available for nerve reconstruction: non-resorbable, natural
resorbable and synthetic resorbable. Polyvinil alcohol hydrogel (PVA) is an example of a
non-absorbable biomaterial. It combines water in similar proportions to human tissue, with
PVA providing a stable structure easy to sterilize, which is a main advantage of this materi‐
als, but has some limitations such as: nerve compression and suture tension after regenera‐
tion due to its non-resorbable nature [77]. Collagen type I from humans or animals, is an
example of a natural resorbable device, which has some advantages such as:

i. easy to isolate and purify,

ii. good adhesiveness for supporting cell survival an proliferation,

iii. has been proven to be highly biocompatible and support nerve regeneration in vivo.

On the other hand, offers some immune response requiring the use of immunosuppres‐
sive drugs or pre-treatment of the material before clinical use [77]. Poly (DL-lactide-ε-capro‐
lactone) (PLC) a synthetic resorbable material is the only transparent device approved by
FDA, important characteristic for the surgeon that facilitates the insertion of the nerve stumps
across the nerve gap, but, on the other hand it is not flexible [77]. Chitosan, PLC, colla‐
gen, poly(L-lactide) and poly(glycolide) copolymers (PLGA) and others, some of them, pre‐
viously studied by our group [57, 58, 82] were associated to cellular systems, which are able
to differentiate into neuroglial-like cells or capable of modulating the inflammatory proc‐
ess, improved nerve regeneration, in terms of motor and sensory recovery, and also shorten‐
ing the healing period after axonotmesis and neurotmesis, avoiding regional muscular
atrophy [57, 58, 82].

Researches with acellular nerve allografts, as alternative for repairing peripheral nerve de‐
fects have been reported. These nerve allografts remove the immunoreactive SCs and mye‐
lin however preserve the internal structure of original nerve, containing vital components such
as collagen I, laminin and growth factors essential for repairmen of the lesions [83]. Acellu‐
lar grafts remain insufficient, due to the increasing extent of nerve damages. Also, viable cells
are necessary for debris removal and environmental regeneration reestablishment [83].

Cell transplantation, such as Schwann cells (SCs) transplantation has been proposed as a
method of improving peripheral nerve regeneration [84]. SCs are peripheral glial cells that
enwrap axons to form myelin with a central role in neuronal function. When there is dam‐
age in PNS, SCs are induced to mislay myelin, proliferate and segregate numerous factors,
including cytokines responsible for reproducing a microenvironment suitable for support‐
ing axon regeneration [85, 86]. They also have a vital participation in endogenous repair, re‐
constructing myelin, which are essential for functional recovery [85, 86]. SCs, MSCs, ESCs,
marrow stromal cells are the most studied support cells candidates. SCs transplantation en‐
hance axon outgrowth both in vitro [87] and in vivo [88]. Although to achieve an adequate
amount of autologous SC, a donor nerve is necessary and a minimum of 4-8 weeks for in
vitro expansion. Umbilical cord MSCs may be the perfect cell model as supplement for nerve
grafts, once they are easily obtained, with no ethical controversy and can differentiate into
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neuglial-like cells [83]. Matuse and collaborators induced MSCs from the umbilical cord into
SCs capable of supporting peripheral nerve regeneration and myelin reconstruction in vivo.
They transplanted these SCs into injured sciatic nerve, and proved that these cells main‐
tained their differentiated phenotype in vivo, and contributed for axonal regeneration and
functional recovery [89].

In our studies we aimed to explore the therapeutic value of human umbilical cord matrix
(Wharton’s jelly) derived MSCs, undifferentiated and differentiated in neuroglial-like cells,
both in vitro and in vivo, associated to a variety of biomaterials such as, Poly (DL-lactide-ε-
caprolactone) PLC (Vivosorb®) membrane, and Chitosan type III on rat sciatic nerve axo‐
notmesis and neurotmesis experimental model. For cell transplantation into injured nerves
(with axonotmesis and neurotmesis injuries), there are two main techniques. The cellular
system may be directly inoculated into the neural scaffold which has been interposed be‐
tween the proximal and distal nerve stumps or around the crush injury (in neurotmesis and
axonotmesis injuries, respectively); or the cells can be pre-added to the neural scaffold via
inoculation or co-culture (in most of the cellular systems, it is allowed to form a monolayer)
and then the biomaterial with the cellular system is implanted in the injured nerve [82].

Our PLC studies [55] demonstrated that this biomaterial does not interfere negatively with
the nerve regeneration process, in fact, the information on the effectiveness of PLC mem‐
branes and tube-guides for allowing nerve regeneration was already provided experimen‐
tally and with patients [82]. PLC becomes hydrophilic by water uptake, which increases the
permeability of the polymer. This is essential for the control of nutrient and other metabolite
transportation to the surrounding healing tissue. A few weeks after implantation, the me‐
chanical power gradually decreases and there is a loss of molecular weight as a result of the
hydrolysis process. Nearly in 24 months, PLC degrades into lactic acid and hydroxycaproic
acid which are both safely metabolized into water and carbon dioxide and/or excreted
through the urinary tract. In contrast to other biodegradable polymers, PCL has the advant‐
age of not creating an acidic and potentially disturbing micro-environment, which is favora‐
ble to the surrounding tissue [90]. Chitosan has attracted particular attention in medical
areas due to its biocompatibility, biodegradability, and low toxicity, low cost, improvement
of wound-healing and antibacterial properties. Moreover, the potential use of chitosan in
nerve regeneration has been demonstrated both in vitro and in vivo [57, 91]. Chitosan is a
partially deacetylated polymer of acetyl glucosamine obtained after the alkaline deacetyla‐
tion of chitin [57, 82]. While chitosan matrices have low mechanical strength under physio‐
logical conditions and are unable to maintain a predefined shape after transplantation, their
mechanical properties can be improved by modification with a silane agent, namely γ-glyci‐
doxypropyltrimethoxysilane (GPTMS), one of the silane-coupling agents which has epoxy
and methoxysilane groups. The epoxy group reacts with the amino groups of chitosan mole‐
cules, while the methoxysilane groups are hydrolyzed and form silanol groups. Finally, the
silanol groups are subjected to the construction of a siloxane network due to the condensa‐
tion. Thus, the mechanical strength of chitosan can be improved by the cross-linking be‐
tween chitosan, GPTMS and siloxane network. By adding GPTMS and employing a freeze-
drying technique, we have previously obtained chitosan type III membranes (hybrid
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chitosan membranes) with pores of about 110 μm diameter and about 90% of porosity, and
which were successful in improving sciatic nerve regeneration after axonotmesis and neuro‐
tmesis [56, 57, 82].

The induction of a crush injury in rat sciatic nerve provides a very realistic and useful model
of damage for the study of the role of numerous factors in regenerative processes [57]. Focal
crush causes axonal interruption but preserves the connective sheaths (axonotmesis). After
axonotmesis injury regeneration is usually successful, after a short (1-2 day) latency, axons
regenerate at a steady rate towards the distal nerve stump, supported by the reactive SCs
and the preserved endoneural tubules enhance axonal elongation and facilitate adequate re‐
innervation [92]. Our research group has been testing the efficacy of combining biomaterials
and cellular systems in the treatment of sciatic nerve crush injury [57-59, 82, 90, 91, 93-95].
Following transection, axons show staggered regeneration and may take substantial time to
actually cross the injury site and enter the distal nerve stump [60]. Although delayed axonal
elongation might be caused by growth inhibition originating from the distal nerve itself,
growth-stimulating influences may overcome axons stagger. More robust and fast nerve re‐
generation is expected to result in better reinnervation and functional recovery. As a poten‐
tial source of growth promoting signals, MSCs transplantation is expected to have a positive
outcome. Our results showed that the use of either undifferentiated or differentiated
HMSCs enhanced the recovery of sensory and motor function in axonotmesis lesion of the
rat sciatic nerve [56]. Neurotmesis must be surgically treated by direct end-to-end suture of
the two nerve stumps or by a nerve graft harvested from elsewhere in the body in case of
tissue loss. To avoid secondary damage due to harvesting of the nerve graft, a tube-guide
can be used to bridge the nerve gap. Acutely after sciatic nerve transection there is a com‐
plete loss of both motor and thermal sensory function. Sensory and motor deficit then pro‐
gressively decrease along the post-operative. From a morphological point of view, nerve
regeneration occurs if Wallerian degeneration is efficient and is substituted by re-growing
axons and the accompanying viable SCs [96, 97]. The axon regeneration pattern is improved
by using appropriate biomaterials for the tube-guide design, like chitosan type III and PLC
and cellular systems like MSCs from the Wharton jelly [57, 90, 91, 95]. The surgical techni‐
que and the time for the reconstructive surgery is also crucial for the nerve regeneration af‐
ter neurotmesis [57, 90, 91, 95].

3.2. Assessment of nerve regeneration in the sciatic nerve rat model

Although both morphological and functional data have been used to assess neural regenera‐
tion after induced crush injuries, the correlation between these two types of assessment is
usually poor [94, 98-100]. Classical and newly developed methods of assessing nerve recov‐
ery, including histomorphometry, retrograde transport of horseradish peroxidase and retro‐
grade fluorescent labeling [79] do not necessarily predict the reestablishment of motor and
sensory functions [100-103]. Although such techniques are useful in studying the nerve re‐
generation process, they generally fail in assessing functional recovery [100]. In this sense,
research on peripheral nerve injury needs to combine both functional and morphological as‐
sessment. The use of biomechanical techniques and rat’s gait kinematic evaluation is a prog‐

Mesenchymal Stem Cells from Extra-Embryonic Tissues for Tissue Engineering – Regeneration of the Peripheral Nerve
http://dx.doi.org/10.5772/53336

481



ress in documenting functional recovery [104]. Indeed, the use of biomechanical parameters
has given valuable insight into the effects of the sciatic denervation/reinnervation, and thus
represents an integration of the neural control acting on the ankle and foot muscles, which is
very useful and accurate to evaluate different therapeutic approaches [103-105].

3.2.1. Functional Assessment

After injury and treatment of animals, follow-up results are very important for analysis of
functional recovery. Animals are tested preoperatively (week 0), and every week during 12
and 20 weeks, for axonotmesis and neurotmesis of the rat sciatic nerve, respectively. Motor
performance and nociceptive function are evaluated by measuring extensor postural thrust
(EPT) and withdrawal reflex latency (WRL), respectively [55, 58, 94]. For EPT test, the affect‐
ed and normal limbs are tested 3 times, with an interval of 2 minutes between consecutive
tests, and the 3 values are averaged to obtain a final result. The normal (unaffected limb)
EPT (NEPT) and experimental EPT (EEPT) values are incorporated into an equation (Equa‐
tion (1)) to derive the percentage of functional deficit, as described in the literature [106]:

( )% Motor deficit  NEPT –  EEPT  /  NEPT   100= ´é ùë û (1)

The nociceptive withdrawal reflex (WRL) was adapted from the hotplate test developed by
Masters et al. [107]. Normal rats withdraw their paws from the hotplate within 4s or less.
The cutoff time for heat stimulation is set at 12 seconds to avoid skin damage to the foot.

For Sciatic Functional Index (SFI), animals are tested in a confined walkway that they cross,
measuring 42 cm long and 8.2 cm wide, with a dark shelter at the end. Several measure‐
ments are taken from the footprints:

i. distance from the heel to the third toe, the print length (PL);

ii. distance from the first to the fifth toe, the toe spread (TS); and

iii. distance from the second to the fourth toe, the intermediary toe spread (ITS).

In the static evaluation (SSI) only the parameters TS and ITS, are measured. For SFI and SSI,
all measurements are taken from the experimental (E) and normal (N) sides. Prints for meas‐
urements are chosen at the time of walking based on precise, clear and completeness of foot‐
prints. The mean distances of three measurements are used to calculate the following factors
(dynamic and static):

( ) ( )Toe spread factor TSF   ETS –  NTS  /  NTS= (2)

( ) ( )Intermediate toe spread factor ITSF   EITS –  NITS  /  NITS= (3)
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measuring 42 cm long and 8.2 cm wide, with a dark shelter at the end. Several measure‐
ments are taken from the footprints:

i. distance from the heel to the third toe, the print length (PL);

ii. distance from the first to the fifth toe, the toe spread (TS); and

iii. distance from the second to the fourth toe, the intermediary toe spread (ITS).

In the static evaluation (SSI) only the parameters TS and ITS, are measured. For SFI and SSI,
all measurements are taken from the experimental (E) and normal (N) sides. Prints for meas‐
urements are chosen at the time of walking based on precise, clear and completeness of foot‐
prints. The mean distances of three measurements are used to calculate the following factors
(dynamic and static):

( ) ( )Toe spread factor TSF   ETS –  NTS  /  NTS= (2)

( ) ( )Intermediate toe spread factor ITSF   EITS –  NITS  /  NITS= (3)
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( ) ( )Print length factor PLF   EPL  NPL  /  NPL= - (4)

SFI is calculated as described by Bain et al. [108] according to the following equation:

( ) ( ) ( )
( ) ( ) ( )

SFI  38.3 EPL –  NPL  /  NPL  109.5 ETS –  NTS  /  NTS  13.3 EIT –  NIT  /  NIT –  8.8

 38.3  PLF   109.5  TSF   13.3  ITSF  –  8.8

= - + +

= - ´ + ´ + ´
(5)

For SFI and SSI, an index score of 0 is considered normal and an index of -100 indicates total
impairment. When no footprints are measurable, the index score of -100 is given [109]. In
each walking track 3 footprints are analyzed by a single observer, and the average of the
measurements is used in SFI calculations.

Ankle kinematics analysis is carried out prior nerve injury, at week-2 and every 4 weeks
during the 12 or the 20-week follow-up time, for axonotmesis and neurotmesis lesions, re‐
spectively. The motion capture is performed with 2 digital high speed cameras (Oqus, Qual‐
ysis®) at a rate of 200 images per second, and Qualisys Track Manager software (QTM,
Qualysis®). The cameras operate on a infra-red light frequency ensuring a high level of ac‐
curacy on the determination of reflective marker position and a position residual of less than
2.7 mm was obtained. Cameras are usually positioned to not recorder significant signal de‐
flection during the test and four reflective markers were placed at the skin of the rat right
hindlimb at the proximal edge of the tibia, the lateral malleolus and the fifth metatarsal
head. Advanced analysis of the 2-D movement (sagittal plan) data is performed with Visu‐
al3D software (C-Motion®, Inc). The rats’ ankle angle is determined using the scalar product
between a vector representing the foot and a vector representing the lower leg. With this
model, positive and negative values of position of the ankle joint (θ°) indicate dorsiflexion
and plantarflexion, respectively. For each step cycle the following time points are identified:
midswing, midstance, initial contact (IC) and toe-off (TO) [104, 109-113] and are time nor‐
malized for 100% of step cycle. The normalized temporal parameters are averaged over all
recorded trials. Angular velocity of the ankle joint (Ω °/s) is also determined where negative
values correspond to dorsiflexion. A total of 6 walking trials for each animal with stance
phases lasting between 150 and 400 ms are considered for analysis, since this corresponds to
the normal walking velocity of the rat (20–60 cm/s) [104]. Animals walk on a Perspex track
with length, width and height of respectively 120, 12, and 15 cm. In order to ensure locomo‐
tion in a straight direction, the width of the apparatus is adjusted to the size of the rats dur‐
ing the experiments.

3.2.2. Morphologic Assessment

Nerve samples are processed for quantitative morphometry of myelinated nerve fibers
[114]. Fixation is usually carried out using 2.5% purified glutaraldehyde and 0.5% saccarose
in 0.1M Sorensen phosphate buffer for 6-8 hours and resin embedding is obtained following
Glauerts' procedure (Scipio et al., 2008). Series of 2-μm thick semi-thin transverse sections
are cut using a Leica Ultracut UCT ultramicrotome (Leica Microsystems, Wetzlar, Germany)
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and stained by Toluidine blue. Stereology is carried out on a DM4000B microscope equip‐
ped with a DFC320 digital camera and an IM50 image manager system (Leica Microsystems,
Wetzlar, Germany). Systematic random sampling and D-disector is always adopted using a
protocol previously described [115, 116]. Fiber density and total number of myelinated fi‐
bers is estimated together with fiber and axon diameter and myelin thickness.

3.3. Results

3.3.1. Differentiation and metabolism of MSCs from Wharton’s jelly

In our experimental studies we expanded undifferentiated MSCs from human umbilical
cord Wharton’s jelly that exhibited a normal star-like shape with a flat morphology in cul‐
ture (Figures 4 and 5). To prevent the possibility of eventual mutations due to expansion ar‐
tifacts, a total of 20 Giemsa-stained metaphases of these cells, were analyzed for numerical
aberrations. Sporadic, non-clonal aneuploidy was found in 3 cells (41-45 chromosomes). The
other 17 metaphases had 46 chromosomes (Figure 7). The karyotype was determined in a
completely analyzed G-banding metaphase. No structural alterations were found. The kar‐
yotype analysis to the MSCs cell line derived from Human Wharton jelly demonstrated that
this cell line has not neoplastic characteristics and is stable during the cell culture proce‐
dures in terms of number and structure of the somatic and sexual chromosomes [55].

Figure 7. Selected metaphases from undifferentiated MSC cells isolated from Wharton’s jelly, showing the normal
number of chromosomes (46, XY). Magnification: 1000X.

We differentiated MSC from Wharton’s Jelly into neuroglial-like cells. After 96 hours of in‐
cubation in neurogenic medium, we observed a morphological change. The cells became ex‐
ceedingly long and there was a formation of typical neural-like cells with multi-branches
and secondary branches (Figure 6). The differentiation was tested based on the expression of
typical neuronal markers such as GFAP, GAP-43 and NeuN by neural-like cells attained
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from HwMSCs. Undifferentiated MSCs were negatively labeled to GFAP, GAP-43 and
NeuN (Figure 8A,C,E). After 96 hours of differentiation the attained cells were positively
stained for glial protein GFAP (Figure 8B) and for the growth-associated protein GAP-43
(Figure 8D). All nucleus of neural-like cells were also labeled with the neuron specific nucle‐
ar protein called NeuN (Figure 8F) showing that differentiation of MSCs in neural-like cells
were successfully achieved [55].

Figure 8. Undifferentiated MSC cells from the Wharton’s jelly presenting a negative staining for: (A) GFAP which is a
glial cell marker; (C) GAP-43 which is related with axonal outgrowth and (E) NeuN which is a marker for nucleus of
neurons. Neuroglial-like cells obtained from HMSCs in vitro differentiated with neurogenic medium exhibiting a posi‐
tive staining for: (B) GFAP; (D) GAP-43 and (F) NeuN. Magnification: 200x [55].

The in vitro expansion and differentiation of MSCs for clinical cell-based therapy is a very
expensive and long process that needs standardization. Although pre-clinical and clinical
data demonstrated the safety and effectiveness of MSCs therapy in some pathologies such as
neurological, there are still questions surrounding the mechanism of action. In our research
work we aimed to disclose the possible role of metabolism not only in the MSCs mainte‐
nance and expansion but also during the differentiation in neural-like cells [55]. MSCs main‐
tenance and differentiation, to neural-like cells, depends on metabolic modulation. In vitro,
glucose is the most widely used substrate for the generation ATP which is essential for cell
growth and maintenance. It has been proposed that cells undergoing high proliferation rates
depend on glycolysis to generate ATP, known as Warburg effect, although this pathway is
less effective than the oxidative phosphorylation in terms of ATP production [117]. Our re‐
sults showed that during expansion, the undifferentiated MSCs consume glucose and pro‐
duce high concentration of lactate as a metabolic sub product which is consistent with the
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Warburg effect and glycolysis stimulation. MSCs do not require oxidative phosphorylation
to survive as alternative, hypoxia extends the lifespan, increases their proliferative ability
and reduces differentiation [118]. The morphologic and biochemical characteristics of neu‐
ral-like cells are already described but the mechanism by which stem cells differentiate into
neural-like cells is still unknown. In our research work, MSCs that undergone differentiation
into neural-like cells, consumed significantly less glucose and produced significantly less
lactate than MSCs that undergone only expansion. These major differences allow us to con‐
clude that during MSCs differentiation in neural-like cells the glycolytic process, which
proved to be the crucial metabolic mechanism during MSCs expansion, is switched to oxida‐
tive metabolism [55].

Our results show clear evidences that MSCs expansion is dependent of glycolysis while
their differentiation in neural-like cells requires the switch of the metabolic profile to oxida‐
tive metabolism. Also important may be the role of oxidative stress during this process. This
work is a first step to identify key metabolic-related mechanisms responsible for human
MSCs from the Wharton’s jelly expansion and differentiation [55].

The lack of standardization of MSCs isolated from the Wharton’s jelly culture conditions has
limited some progress in scientific and clinical research. Understanding these MSCs metabo‐
lism during expansion, as well as determining molecular and biochemical mechanisms for
differentiation is of great significance to develop new effective stem cell-based therapies.

4. Biomaterial and cellular system association – discussion and final
remarks

Using the rat model, we recently tested in vivo the efficacy of biomaterials and cellular sys‐
tem association in treatment of sciatic nerve axonotmesis and neurotmesis injury. Following
transection, axons show staggered regeneration and may take substantial time to cross the
injured site and enter the distal nerve stump [119]. However delayed axonal elongation
might be caused by growth inhibition originated from the distal nerve itself, growth-stimu‐
lating influences may overcome axons stagger. As a potential source of growth promoting
signals, MSCs transplantation is expected to give a positive outcome. Our results showed
that the use of either undifferentiated or differentiated MSCs in axonotmesis lesion boosted
the recovery of sensory and motor function. In both cell-enriched experimental groups we
observed that the myelin sheath was thicker, this suggests that MSCs might apply their posi‐
tive effects on SCs, the key element in Wallerian degeneration and the following axonal re‐
generation [120]. Also results from in vivo testing previously performed by our research
group showed that infiltration of MSCs from the Wharton’s jelly, or the combination of chi‐
tosan type III membrane enwrapment and MSCs enrichment after nerve crush injury pro‐
vide an advantage to post-traumatic nerve regeneration [56, 57]. Chitosan type III was
developed as a hybrid of chitosan by adding GPTMS. A synergistic effect of an extra perme‐
ability and physicochemical properties of chitosan type III and the presence of silica ions
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may be responsible for the good results in post-traumatic nerve regeneration promotion ob‐
served in the sciatic nerve after axonotmesis and neurotmesis [57, 91]. The substantial im‐
provement of axonal regeneration found in sciatic nerve crush enwrapped by chitosan type
III membranes and for bridging nerve gaps after neurotmesis [57, 91], suggests that this bio‐
material may not just work as a simple mechanical device but instead may induce nerve re‐
generation. The neuroregenerative properties of chitosan type III may be explained by the
effect on SCs proliferation, axon elongation and myelinization [55, 91]. Our data also
showed that PLC does not deleteriously interfere with the nerve regeneration process, as a
matter of fact, the information on the effectiveness of PLC membranes and tube-guides for
allowing nerve regeneration was already provided experimentally and with patients [82].
The MSCs from the Wharton’s jelly may be a valuable source in the repair of the peripheral
nervous system with capacity to differentiate into neuroglial-like cells. The transplanted
MSCs are also able to promote local blood vessel formation and release the neurotrophic fac‐
tors brain-derived neurotrophic factor (BDNF) and glial cell line-derived neurotrophic factor
(GDNF) [55]. Previous results obtained by our research group using N1E-115 cells in vitro
differentiated into neuroglial-like cells to promote regeneration of axonotmesis and neuro‐
tmesis lesions in the rat model showed that there was no significant effect in promoting ax‐
on regeneration and, when N1E-115 cells were cultured inside a PLGA scaffold used to
bridge a nerve defect, they can even exert negative effects on nerve fiber regeneration. The
presence of transplanted N1E-115 cells in nerve scaffolds competing for the local blood sup‐
ply of nutrients and oxygen and by space-occupying effect could have hindered the positive
effect of local neurotrophic factor release leading a negative outcome on nerve regeneration.
Thus, N1E-115 cells did not prove to be a suitable candidate cellular system for treatment of
nerve injury after axonotmesis and neurotmesis and their application is limited only to re‐
search purposes as a basic scientific step for the development of other cell delivery systems,
due to its neoplastic origin [57-59, 91, 93]. The MSCs isolated from the Wharton´s jelly
through PLC and chitosan type III membranes might be a potentially valuable tool to im‐
prove clinical outcome especially after trauma to sensory nerves, such as digital nerves. The
results from our experimental work [55, 56] showed that the use of either undifferentiated or
neuroglial-like differentiated MSCs enhanced the recovery of sensory and motor function of
the rat sciatic nerve. The observation that in both cell-enriched experimental groups myelin
sheath was thicker, suggest that MSCs might exert their positive effects on SCs, the key ele‐
ment in Wallerian degeneration and the following axonal regeneration [120]. In addition,
these cells represent a non-controversial source of primitive mesenchymal progenitor cells
that can be harvested after birth, cryogenically stored, thawed, and expanded for therapeu‐
tic uses, including nerve injuries like axonotmesis and neurotmesis. The time and tempera‐
ture of the transport (and the saline solution used) of the UC units from the hospital / clinic
to the laboratory is crucial for a successful outcome considering MSCs isolation and prolifer‐
ation from fresh and cryopreserved UCT. It is highly recommend that the transport from the
clinic or hospital to the laboratory should be refrigerated, and the UC units should be imme‐
diately immersed in a sterile saline solution like HBSS or DPBS.
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Additional information is available at the end of the chapter
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1. Introduction

Lymphoma is the most common neoplasm of the canine hemolymphatic system. It represents
about 15% of all malignant neoplasms. It has a very poor prognosis, the mean survival with
high grade non Hodgkin’s lymphomas being two months without treatment [1]. Incidence is
increasing.

Lymphomas in dogs, as in humans, can be divided into numerous types depending on the cell
line involved and their immunophenotype [2]. T lymphomas have a worse prognosis than B
lymphomas and late clinical stages obviously have a very short survival period.

Lymphomas are known in human medicine to respond to chemotherapy, and some of them
can even be cured by complex chemotherapy protocols, although severe side effects are noted.

Chemotherapy protocols have also been developed for dogs in the last 40 years. They have
proved to be effective for the overall survival of the treated animal. Although the order of drug
administration and duration of the maintenance part of the protocol vary considerably, most
oncologists agree that a doxorubicin-based (eg CHOP) combination chemotherapy protocol
provides the longest period of disease control and overall survival [3].

Even with chemotherapy, survival is relatively short and adjuvant therapies have been
developed to improve prognosis. Immunotherapy protocols are of particular interest for this
purpose as they may arm immune system cells against the abnormal proteins synthesized by
cancer cells [4]. It is a selective way of destroying cancer cells and a treatment with much fewer
side effects than chemo- or radiotherapy.

The immune system can destroy cancer cells by different methods:
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• Synthesis of TNF-α (tumor necrosis factor alpha) and an oxygen intermediate such as nitric
oxide by macrophages activated by IFN-γ (interferon gamma)

• Activation of NK (natural killer) cells by IL-2 (interleukin 2)

• Adsorption of an antibody against tumor cell antigens targeting macrophages and cytotoxic
T lymphocytes.

• Activation of CD8+ T lymphocytes by an MHC(major histocompatibility complex) -
mediated cell contact mechanism between antigen-presenting cells (APCs) and CD8 cells

Several kinds of immunotherapy protocol are available both in human and veterinary
medicine [4, 5, 6, 7]. Heat shock proteins (HSPs) such as gp96 or HSPs70 which are synthesized
by the cells submitted to stress are advantageous vaccination adjuvants due to their chaperone
properties and their role in antigen presentation [8]. As chaperone molecules, almost all the
cell peptides are associated with these proteins and HSP purification provides a fingerprint of
the cell’s protein synthesis [9]. This is particularly useful for cancer cells which synthesize
numerous abnormal proteins during their natural progress [10]. These cells being genetically
unstable, their abnormal protein synthesis differs from patient to patient and during the course
of the disease. The HSPs and their associated peptides (AAPs) have special receptors (CD91)
on dendritic cells which allow the internalization of the AAPs and their modification in order
to be expressed at the surface of class I HLA proteins on the cell membrane, triggering
activation of the CD8 T cells if they are abnormal [11].

Cancer cells are stressed by the mechanical and metabolic characteristics of the tumour. They
synthesize many HSPs [12]. We thus isolated these proteins in order to make an autologous
vaccine against the tumour. The HSPs were purified using a hydroxylapatite powder (HA)
column. The powder carrying the HSPs was then injected subcutaneously to stimulate the
immune system’s response to the tumour.

Purification of HSPs using classical way is long and tedious. The use of hydroxylapatite
powder allows a much faster purification process. Hydroxylapatite chromatography has been
described by Tiselius in the early seventies. Hydroxylapatite chromatography is an adsorption
chromatography. The adsorption mechanism is very poorly understood. The surface of the
material is occupied bu Ca++ and PO4

-. These ions are supposed to interact with the chemical
groups of the proteins. However, post synthesis treatment such as sintering or spray- drying
process modify the physico-chemical properties of the material surface. Furthermore, the
interaction of the material surface with biological fluids triggers epitaxial growth of carbonated
apatite at the surface of the material [13].

It was decided that the proteins purified will be injected carried by the particles for several
reasons: the hydroxylapatite particles have been described as vaccine adjuvant, they are
phagocytosed by the APCs and can deliver the proteins directly in the APCs, they trigger an
afflux of APCs at the injection site [14]. Most of the adjuvants used in antiinfectious vaccines
are nano or microparticular.

The aims of this study was to check the feasibility of this protocol using HA-particles with
dogs suffering of high grade lymphoma and to know if secondary effects were detected.
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2. Materials and methods

2.1. Dogs to be treated

Two dogs (Poodle, 6 years, Jagdterrier, 8 years ) suffered from polyadenopathy without any
sign of immune deficiency. One dog (mixed breed, 10 years) had a liver metastasis. The last
one had a cutaneous form. Their general condition remained reasonable, with no real weight
loss or fever. One dog (Poodle) had a splenomegaly. The blood numeration revealed that the
white cells and calcaemia for both dogs were in the normal range. Node biopsies were
performed. One was sent to the pathologist and the other was frozen (-20°C) and used to
manufacture the vaccine. Disease staging was performed using the WHO-staging criteria for
canine lymphoma.

A chemotherapy treatment was proposed by the physician but rejected by the dog's owners
due to side effects and an informed consent was signed.

After vaccination, the dogs were subjected to a clinical examination whenever they came for
the following injection and side effects noted. The volume of a control node was externally
measured.

2.2. Toxicity and response assessment

The side effects were graded every week for the first month and every month for the next five
months according to the National Cancer Institute’s common Toxicity Criteria (version 2.0).

The dogs were also submitted to a physical examination at the same frequency to assess their
clinical response. A complete response (CR) was defined as the disappearance of all the nodes
and metastasis for at least 4 weeks. A partial response (PR) was defined as a decrease by at
least 50% of the product of the 2 longest lengths of all the nodes without the appearance of
new lesions for at least 4 weeks. A minor response (MR) was defined as a decrease by less than
50% using the same criteria. Stable disease (SD) was defined as the same criteria unchanged
for at least 4 weeks. Progressive disease (PD) was defined as an increase by >25% of the product
of the 2 longest lengths of all the nodes for at least 4 weeks or when new lesions appeared.

2.3. Hydroxylapatite powder characteristics

Hydroxylapatite powders (Fig. 1) can be used for adsorption chromatography under atmos‐
pheric or high pressure. In order that the protein solution did not fill in the column and to
avoid the compaction, the powder was spray-dried then sintered at 1000°C.

The HA was transformed into a ceramic powder according to the following protocol. The
synthesized calcium phosphate was suspended in a slurry which is liquid, spray-dried, then
sintered. The spray-dried material was heated almost to fusion temperature which favors the
migration of matter between the grains and the formation of bridges. As the surface energy
was smaller for large than for small grains, their size increased and the distance between the
grain centers and the particle surface area decreased.

Hydroxylapatite (HA) Powder for Autovaccination Against Canine Non Hodgkin’s Lymphoma
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Powder characteristics

Nature of the charged groups PO4 3-, OH-, Ca2+

Electrocinetical potential (mV) -35

Hydrophobicity +

Surface pH 7,8

Granulometry (µm) 0-25

Surface area (m2/gr) 4

Shape spherical

Table 1. Characteristics of the powder

The sintering considerably reduced the surface area making the amount of proteins adsorbed
on the powder lower. It also stabilized the powder structure. The powder was submitted to
dissolution/ precipitation processes when soaked inside a saline solution [13]. The modifica‐
tion occurring at the powder surface affected the adsorption properties of the powder. The
reduced surface area decreased the interactions with the saline solution containing the
proteins. There was a microporosity between the ceramic grains inside the same particle
allowing the protein solution to diffuse inside the particles. The characteristics of the powder
used in this experiment was given in table 1

As the chromatography was carried out under atmosphere, the granulometry of the powder
was an important factor in order to avoid any plugging of the column. The HSPs could be
eluted from the powder by 200-300 mM NaCl solutions. The powder solution in NaCl was not
stable enough to be injected as it decanted too fast in the syringe. Thus to improve the
injectability the powder was put in suspension in a 2% solution of carboxymethylcellulose in
20 mM NaCl.

2.4. Vaccine manufacturing protocol

The tumor tissue and all the materials used to prepare the vaccine were handled in sterile
conditions under a laminar flow. The frozen tumor (200 mgr) tissue was homogenized using
a bead tissue homogenizer. 1 ml of NaHCO3 (30 mM, pH 7) was added for 1 ml of homogenate.
The resulting homogenate was then centrifuged at 1000 g for 15 mn at 4°C to remove all cell
fragments.

The supernatant containing the cytoplasmic proteins was used for protein purification by HA
column chromatography as follows: a) two precipitations with ammonium sulphate (first at
50% and then at 70%) recovering the pellets. The last pellet was resuspended in 1 ml phosphate
buffer (20 mM, pH 7). The column was filled (chromatography columns, Poly-prep, Cat.
731-1550, Bio Rad) with 0.2 gr of HA (0-25 μm), equilibrated with 10 volumes of phosphate
buffer (20 mM pH7). The resuspended pellet was then added. The column was then washed
with 3 ml of a 100 mM NaCl solution (fig.2).
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used in this experiment was given in table 1

As the chromatography was carried out under atmosphere, the granulometry of the powder
was an important factor in order to avoid any plugging of the column. The HSPs could be
eluted from the powder by 200-300 mM NaCl solutions. The powder solution in NaCl was not
stable enough to be injected as it decanted too fast in the syringe. Thus to improve the
injectability the powder was put in suspension in a 2% solution of carboxymethylcellulose in
20 mM NaCl.

2.4. Vaccine manufacturing protocol

The tumor tissue and all the materials used to prepare the vaccine were handled in sterile
conditions under a laminar flow. The frozen tumor (200 mgr) tissue was homogenized using
a bead tissue homogenizer. 1 ml of NaHCO3 (30 mM, pH 7) was added for 1 ml of homogenate.
The resulting homogenate was then centrifuged at 1000 g for 15 mn at 4°C to remove all cell
fragments.

The supernatant containing the cytoplasmic proteins was used for protein purification by HA
column chromatography as follows: a) two precipitations with ammonium sulphate (first at
50% and then at 70%) recovering the pellets. The last pellet was resuspended in 1 ml phosphate
buffer (20 mM, pH 7). The column was filled (chromatography columns, Poly-prep, Cat.
731-1550, Bio Rad) with 0.2 gr of HA (0-25 μm), equilibrated with 10 volumes of phosphate
buffer (20 mM pH7). The resuspended pellet was then added. The column was then washed
with 3 ml of a 100 mM NaCl solution (fig.2).
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The powder was then suspended in 5 ml carboxymethylcellulose (CMC) solution (2% in 20mM
NaCl). 0.5 ml of this solution was used for each vaccine shot.

Figure 2. Autovaccine manufacturing scheme

Figure 1. SEM of the HA-powder used for the vaccine.
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0.2 ml of the previous solution was used to make electrophoretic control. The solution was
centrifuged at 1000g 30 for seconds. The supernatant was discarded and the powder in the
pellet washed with 0.1 ml of a 0.5 M NaCl solution. The solution was again centrifuged and
the supernatant was used for a SDS-Page and for protein quantification using UV spectrometer.
10 μl of the solution was also used for dot blot with anti HSP70 and anti gp90 antibodies on a
nitrocellulose membrane. The antibody labelling was evidenced using a westernbreeze™
(invitrogen) kit according to the manufacturer instructions.

2.5. Vaccination protocol

The dogs were injected with 0.5 ml (about 40 μg of proteins) of the vaccine subcutaneously on
day 0. The dose schema consisted of 0.5 ml/dose every week for one month, followed by one
dose every month for four months.

2.6. activation of TLR2 and 4

Some HSPs are TLR (Toll like receptor) agonist and the TLR activation was checked using two
cell lines secreting an embryonic phosphatase alkaline when the TLR 2 or 4 are stimulated.

Two cell lines were used for TLR receptor stimulation. HEK-BlueTM-hTLR2 and HEK-BlueTM-
hTLR4 cells (invivogen –France) were grown in DMEM supplemented with 10% fetal calf
serum and 0,5% normocin (invivogen-France) to avoid mycoplasma contamination. 20000 cells
were introduced in wells of 96-well plate, 4 hours later 20 μl of different concentrations of the
vaccine was added and incubated at 37°C for 20 hours. Then the medium was removed and
replaced by 180 μl of resuspended QUANTI- blueTM (Invivogen) and incubated for 1 hour
and the positivity evaluated. The negative control was the HA- powder without any protein
immobilized on its surface. The minimal concentration turning blue the medium was noted.
It was estimated that the vaccine was functional when the minimal active concentration was
less than the vaccine concentration.

3. Results

All the vaccine dilutions stimulated the TLR 4 but not the TLR2. The negative control (HA
powder) did not stimulate any TLR. The SDS PAGE revealed two bands in the 95 kDa region
which were previously demonstrated to be HSPs rich bands (fig. 3) The dot blots revealed that
all the vaccine contained gp96 and HSP70 but the amount was different (fig.3 and 4).

Neither dog showed side effects after the injections, whether systemic or local. Two showed a
decrease in nodule volume of less than 50% following the first month of injections and were
rated MR. The other were rated SD. All dogs were rated PD about one month before they died.

No sign of infection such as fever was observed during the first month of vaccination. The
Jagdterrier was diagnosed with an abscess of the collar by the fourth month, which was cured
surgically. The lung radiographs did not reveal any lung metastases. The blood count did not
show any anomaly in the white cell count up to the last month of survival.
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Figure 3. L1 was obtained after washing the powder with 0.3M NaCl, L2 was obtained after washing at 0.02M, L3 was
obtained with 0.5M. At 0.02M almost all the contaminant proteins are eluted from the powder. At 0.3 M, the remain‐
ing proteins after the 0.02M elution are located in the 95 and 70 kDa zone. The 0.5 M column shows that after after
0.3 M there is almost no proteins remaining on the powder.

The poodle was euthanazised 11 months, and the Jagdterrier 6 months, after the disease was
discovered. During their survival period, both dogs had a normal activity. The Jagdterrier was
still hunting two weeks before to be euthanazied. The two other dogs were euthanazied at 155
and 173 days (table 2). The mean overall survival time is 210 days.

Dog number Breed Histology Stage OS
Immunophenot

ype

1 Jagd terrier
Centoblastic

polymorphic
IIIb 330 B cell

2 Poodle
Centroblastic

polymorphic
IIIb 180 B cell

3 mixed
Centroblastic

polymorphic
IVb 173 B cell

4 cocker cutaneous IVb 155 T cell

Table 2. Characteristics of the dogs treated by the vaccination protocol and overall survival time (OS) in days.
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Figure 4. Dot blot after anti gp90 labelling

Figure 5. Dot blot after anti HSP70 labelling
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4. Discussion

This experiment showed the feasibility of this protocol as an autologous vaccine for cancer in
dogs in veterinary practice. We have also developed an in vitro test to assess the functionality
of purified heat shock proteins. This test checks in a few minutes the vaccine’s ability to
stimulate antigen-presenting cells (APCs) through toll-like receptor (TLR) activation. Even if
the sample size is small, the dogs’ overall survival (210 days) was much higher than expected,
as the average OS for this type of pathology is two months. In larger series of stage Vb
lymphomas associating chemotherapy and the same vaccine protocol, we could demonstrate
that after vaccination the dogs showed a delayed cutaneous hypersensibility after their own
tumor antigen injection in the derm (Marconato, unpublished results).

High grade lymphomas in dogs are an interesting model for cancer vaccines because survival
is very short, so the effect on OS is very easy to measure. The clinical efficiency of vaccine is
not always related to the vaccine’s effect on biological parameters. Models with a short life
expectancy are thus of interest. Furthermore vaccination without the use of other drugs is of
particular interest.

The amount of proteins used in this vaccine was justified by the different experiments
published about autovaccines using HSPs in animals and humans. Furthermore we checked
that the amount of proteins could activate 20000 APCs in vitro. The presence of the tumor
proteins at the surface of the HA-particles allows the activation of the TLRs. It indicates that
the proteins are immobilized at the surface of the particles and their adsorption does not
denaturize these proteins.

Cancer vaccines are the focus of great interest. Although cancer cells synthesise abnormal
proteins, they are are not recognised by the immune system. Different immunosuppression
mechanisms by cancerous tumours have been described [15]. The use of multiantigen vaccines
could reduce the cancer cell’s “invisibility” to the immune system compared to monoproteic
vaccines. Different kinds of immune therapy are under investigation. Cell engineering
immunotherapy protocols have been tested, including activation of dendritic cells in vitro by
tumour antigens before being reinjected into the patient [16]. Other trials concern amplification
of the intratumoural lymphocytes (TILs) in vitro [17] before being reinjected into the donor.
Recently, different types of antibodies were approved for the oncology field, in particular
antibodies against VEGF (Vascular endothelial growth factor) to inhibit tumour vasculariza‐
tion [18, 19].

Heat Shock Proteins (HSPs) have proved to be of therapeutic interest in human medicine for
some applications. In order to be useful as a cancer vaccination, these HSPs must be made
available to APCs. HA-powder is a good material for use as a vector of HSPs to APCs. It has
been shown that when injected in the dermis or subcutaneous tissue, it triggers a foreign body
reaction and that the cells of this foreign body reaction could be transfected with a DNA
molecule carried by the particles [20]. It suggests that, further to DNA vectorisation, the
particles could help in the transfection of HSPs and their associated peptides in APCs.
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Although gp96 has been described as able to stimulate TLR4, it is not sure that these proteins
are the only proteins responsible for TLRs stimulation in this case. There are contaminating
proteins in various bands of the SDS which could interfere with the TLRs. The non stimulation
of the TLR2 indicates that the TLR4 is not activated by contaminating endotoxins.

Hydroxyapatite has been used as an adjuvant for various infectious vaccines such as diphtheria
and tetanus [21]. The Hydroxyapatite lattice is a hexagonal structure which allows numerous
substitutions. Ions and small amino acids can thus be trapped in the HA lattice. Consequently,
HA powder has been used to purify DNA, proteins or even viruses from biological solutions
[22]. In this case, the surface properties of the particles allowed both the purification of HSPs
and their use as a vector to APCs and as an adjuvant.

The HA-powder characteristics seems well suited for its role of cancer vaccine adjuvant. The
granulometry range allows the phagocytosis by the APCs as it was demonstrated previously
[14]. Furthermore, the grain boundaries in each particle is degraded by the cells making the
particles fragmented and thus decreasing the real granulometry a few days after injection. It
was also demonstrated that the phagocytosis of these particles by the APCs induced the
synthesis of various cytokines and lymphokines necessary for the cross-priming of the CD8.
The HA-adjuvant effect does not seem to be due to TLR activation as HA-particles alone do
not trigger TLR2 and 4 activation. Other mineral adjuvants such as aluminum oxide have been
demonstrated to activate the inflamasome. The inflamasome is a multi-protein complex
involved in the production of mature IL-1β. The alumn-induced release of IL-1β in macro‐
phages is done under activation of the NLRP3 [23]. It is suggested from unpublished results
that the adjuvancy effect of the HA-particles is also due to the inflamasome activation.

Tumor associated antigens show a very poor antigenicity. Thus the presence of an adjuvant
like calcium phosphate particles is essential in order to increase the visibility of these antigens
by the patient immune system.

This method was used in a short pilot study in humans and proved to be very safe, as only
local effects (erythema) were reported in some patients (24). Although it was not the goal of
the pilot study, some remission in the extent of the tumour was observed and constituted a
good proof of concept. Gp96 has already been used in human medicine to treat a series of
patients with indolent non Hodgkin’s lymphoma [23]. The results are difficult to compare, as
the patients could have been treated by chemo- or radiotherapy more than six weeks before
the vaccination protocol. However, at three months most of the patients were rated SD,
including those who were resistant to previous therapy. No patients suffered side effects.

5. Conclusions

The HA-particles are essential in this protocol both for their adsorption properties for proteins
of interest and their adjuvant properties. They constitute a tool which allows to purify tumor
associated antigens in a fast and reproducible way.
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The overall survival of the four dogs was much better than expected. These preliminary results
nonetheless show that the technique is feasible in private veterinary medicine. They are
consistant with other results obtained with canine osteosarcomas or with a series of stage Vb
lymphomas treated by chemotherapy and this protocol.

The association of the HA-particles to tumor associated antigens and HSPs did not trigger any
adverse effects, confirming the safe results obtained for other applications in human medicine.

This technique could also be combined with conventional chemo- or radiotherapy to increase
the animal’s overall survival.

Author details

Michel Simonet1, Nicole Rouquet2 and Patrick Frayssinet2*

1 Veterinary hospital, Nuit Saint Georges, France

2 Urodelia, St Lys, France

References

[1] C. Fournel-Fleury, F. Ponce, P., Felman, A. Blavier, C. Bonnefont, L. Chabanne, T.
Marchal, J.L. Cadore, I. Goy-Thollot, D. Ledieu, I. Ghernathi, J.P. Magnol, Canine T-
cell lymphomas: a morphological, immunological, and clinical study of 46 new cases.
Vet Pathol 39: 92-109 (2002).

[2] R. Chun, Lymphoma: which chemotherapy protocol and why? Top Companion
Anim Med.;24: 157-62 (2007)

[3] L. Marconato, The staging and treatment of multicentric high-garde lymphoma in
dogs: A review of recent developments and future prospects. The Veterinary Journal,
188: 34-38 (2011).

[4] T., F., Greten, E.M., Jaffee, Cancer vaccines, Journal of clinical oncology, 17: 1047-1060
(1999).

[5] C. J. Wheeler, K. L. Black, G. Liu, M. Mazer, X.-X. Zhang, S. Pepkowitz, D. Goldfin‐
ger, H. Ng, D. Irvin, and J. S. Yu. Vaccination elicits correlated immune and clinical
responses in glioblastoma multiforme patients. Cancer Research 68 : 5955-5964,
(2008).

[6] B. Klein, K. Tarte, A. M. Conge, L. Zhao-Yang, and J. F. Rossi. Stratégie de vaccina‐
tion antitumorale. Biotech Médecine 23, (2002).

[7] Y. Akiyama, R. Tanosaki, N. Inoue, M. Shimada, Y. Hotate, A. Yamamoto, N. Yama‐
zaki, I. Kawashima, I. Nukaya, K. Takesako, K. Maruyama, Y. Takaue, and K. Yama‐

Hydroxylapatite (HA) Powder for Autovaccination Against Canine Non Hodgkin’s Lymphoma
http://dx.doi.org/10.5772/55129

511



gushi. Clinical response in japanese metastatic melanoma patients treatted with
peptide cocktail-pulsed dendritic cells. Journail of Translational Medicine 3: 4-14,
(2005).

[8] A. Murshid, J. Gong, and S. K. Calderwood. Heat-shock proteins in cancer vaccines:
agents of antigen cross presentation. Expert Rev Vaccines 7: 1019-1030, (2008).

[9] D. R. Ciocca and S. K. Calderwood. Heat shock proteins in cancer: diagnostic, prog‐
nostic, predictive, and treatment implications. Cell Stress & Chaperones 10: 263-270,
(2005)

[10] J. Kaiser. A detailed genetic portrait of the deadliest human cancers. Science 321:
1280-1281, (2008).

[11] C. V. Nicchitta, D. M. Carrick, and J. C. Baker-LePain. The messenger and the mes‐
sage: gp96 (grp94)-peptide interactions in cellular immunity. Cell Stress & Chaper‐
ones 9 : 325-331, (2004).

[12] M. Romanucci, A. Marinelli, S. Giuseppe, and L. Della Salda. Heat shock protein ex‐
pression in canine malignant mammary tumours. BMC Cancer 6: 171-183, (2006).

[13] M. Heughebaert, R.Z. LeGeros, M. Gineste ,A. Guilhem, G. Bonel, Physico chemical
characterization of deposits associated with HA-ceramics implanted in osseous sites.
J Biomed Mater Res. 22(3 Suppl): 257-68 (1988)

[14] P. Frayssinet, A. Guilhem, Cell transfection using HA-ceramics. Bioprocessing Jour‐
nal, 3, 4 (2004)

[15] W. Zou. Immunosuppressive networks in the tumour environment and their thera‐
peutic relevance. Nature Reviews 5: 263-274, (2005).

[16] L. M. Liau, R. M. Prins, S. M. Kiertscher, S. K. Odesa, T. J. Kremen, A. J. Giovannone,
J.-W. Li, D. J. Chute, P. S. Mischel, T. F. Cloughesy, and M. D. Roth. Dendritic cell
vaccination in glioblastoma patients induces systemic and intracranial T-cell respons‐
es modulated by the local central nervous system tumor microenvironment. Clinical
Cancer Research 11: 5515-5525, (2005).

[17] G. P. Dunn, I. F. Dunn, and T. W. Curry. Focus on TILs: prognostic significance of
tumor infiltrating lymphocytes in human glioma. Cancer Immunity 7: 12-27, (2007).

[18] K. Miller, M. Wang , J. Gralow, M. Dickler, M. Cobleigh, E.A. Perez, T. Shenkier, D.
Cella, N.E. Davidson: Paclitaxel plus bevacizumab versus paclitaxel alone for meta‐
static breast cancer. N Engl J Med , 357: 2666-2676, (2007).

[19] N. Ferrara, K. J. Hillan, H.-P. Gerber, W. Novotny. Discovery and development of
bevacizumab, an anti-VEGF antibody for treating cancer. Nature Reviews Drug Dis‐
covery, 3: 391-400, (2004)

Advances in Biomaterials Science and Biomedical Applications512



gushi. Clinical response in japanese metastatic melanoma patients treatted with
peptide cocktail-pulsed dendritic cells. Journail of Translational Medicine 3: 4-14,
(2005).

[8] A. Murshid, J. Gong, and S. K. Calderwood. Heat-shock proteins in cancer vaccines:
agents of antigen cross presentation. Expert Rev Vaccines 7: 1019-1030, (2008).

[9] D. R. Ciocca and S. K. Calderwood. Heat shock proteins in cancer: diagnostic, prog‐
nostic, predictive, and treatment implications. Cell Stress & Chaperones 10: 263-270,
(2005)

[10] J. Kaiser. A detailed genetic portrait of the deadliest human cancers. Science 321:
1280-1281, (2008).

[11] C. V. Nicchitta, D. M. Carrick, and J. C. Baker-LePain. The messenger and the mes‐
sage: gp96 (grp94)-peptide interactions in cellular immunity. Cell Stress & Chaper‐
ones 9 : 325-331, (2004).

[12] M. Romanucci, A. Marinelli, S. Giuseppe, and L. Della Salda. Heat shock protein ex‐
pression in canine malignant mammary tumours. BMC Cancer 6: 171-183, (2006).

[13] M. Heughebaert, R.Z. LeGeros, M. Gineste ,A. Guilhem, G. Bonel, Physico chemical
characterization of deposits associated with HA-ceramics implanted in osseous sites.
J Biomed Mater Res. 22(3 Suppl): 257-68 (1988)

[14] P. Frayssinet, A. Guilhem, Cell transfection using HA-ceramics. Bioprocessing Jour‐
nal, 3, 4 (2004)

[15] W. Zou. Immunosuppressive networks in the tumour environment and their thera‐
peutic relevance. Nature Reviews 5: 263-274, (2005).

[16] L. M. Liau, R. M. Prins, S. M. Kiertscher, S. K. Odesa, T. J. Kremen, A. J. Giovannone,
J.-W. Li, D. J. Chute, P. S. Mischel, T. F. Cloughesy, and M. D. Roth. Dendritic cell
vaccination in glioblastoma patients induces systemic and intracranial T-cell respons‐
es modulated by the local central nervous system tumor microenvironment. Clinical
Cancer Research 11: 5515-5525, (2005).

[17] G. P. Dunn, I. F. Dunn, and T. W. Curry. Focus on TILs: prognostic significance of
tumor infiltrating lymphocytes in human glioma. Cancer Immunity 7: 12-27, (2007).

[18] K. Miller, M. Wang , J. Gralow, M. Dickler, M. Cobleigh, E.A. Perez, T. Shenkier, D.
Cella, N.E. Davidson: Paclitaxel plus bevacizumab versus paclitaxel alone for meta‐
static breast cancer. N Engl J Med , 357: 2666-2676, (2007).

[19] N. Ferrara, K. J. Hillan, H.-P. Gerber, W. Novotny. Discovery and development of
bevacizumab, an anti-VEGF antibody for treating cancer. Nature Reviews Drug Dis‐
covery, 3: 391-400, (2004)

Advances in Biomaterials Science and Biomedical Applications512

[20] P. Frayssinet, N. Rouquet, M. Bausero, and P.O. Vidalain, Calcium Phosphates for
Cell Transfection. In: P. Ducheyne, K.E. Healy, D.W. Hutmacher, D.W. Grainger, C.J.
Kirkpatrick (eds.) Comprehensive Biomaterials, vol. 1, pp. 259-265 Elsevier (2011).

[21] Q. He, A.R. Mitchell, S.L. Johnson, C. Wagner-Bartak, T. Morcol, S. J. D., Bell, Calci‐
um Phosphate Nanoparticle Adjuvant, Clinical and diagnostic laboratory immunolo‐
gy, 899–903 (2000)

[22] P. Gagnon, P., Ng,J., Zhen, C. Aberin, J. He, H. Mekosh, L. Cummings, , S. Zaidi, R.
Richieri, A ceramic hydroxyapatite-based purification platform. Simultaneous re‐
moval of leached protein A, aggregates, DNA, and endotoxins from Mabs. Biopro‐
cess International, 50-60 (2006).

[23] V. Hornung, F. Bauernfeind, A. Halle, E. Samstad, H. Kono, K.L. Rock, K. A. Fitzger‐
ald, E. Latz, Silica crystals and aluminum salts mediate NALP-3 inflammasome acti‐
vation via phagosomal destabilization. Nat Immunol.; 9(8): 847–856 (2008)

[24] D.R. Ciocca, P. Frayssinet, F.D. Cuello-Carion, A pilot study with a therapeutic vac‐
cine based on hydroxyapatite ceramic particles and self-antigens in cancer patients.
Cell Stress &Chaperones; 12: 33-43, 2007

[25] Y. Oki, P. McLaughlin, L. E. Fayad, B. Pro, P. F. Mansfield, G. L. Clayman, L. J. Me‐
deiros, L. W. Kwak, P. K. Srivastava, and A. Younes. Experience with Heat shock
protein-peptide complex 96 vaccine therapy in patients with indolent non-hodgkin
lymphoma. Cancer 109: 77-83, (2007).

Hydroxylapatite (HA) Powder for Autovaccination Against Canine Non Hodgkin’s Lymphoma
http://dx.doi.org/10.5772/55129

513





Chapter 20
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1. Introduction

Metallic biomaterials used for dental applications, which are called dental alloys, and such
alloys require a high corrosion resistance because the pH and temperature vary widely in the
oral environment where foods and beverages are taken in. These alloys also require biocom‐
patibility in order to prevent an allergic reaction to the metals. Dental alloys are mainly used
to make devices for filling cavities and as substitutes for teeth that are lost because of decay
and periodontal disease. A variety of dental devices have been developed, which include
metallic fillers, inlays, crowns, bridges, clasps, dentures, dental implants composed of a fixture
and an abutment, and fixed braces (train tracks). These forms of dental restoration, custom-
shaped for an individual, are made by casting; therefore, the castability of alloys is another
requirement for dental applications.

Dental alloys are mainly classified into two groups: precious and nonprecious metals. Suitable
alloys are employed according to the intended use. Alloys of precious metals such as gold
(Au), palladium (Pd), and silver (Ag) are usually employed because of their high corrosion
resistance, biocompatibility, and castability, as compared to those of nonprecious metals.
Precious alloys are grouped into high-carat alloy (high-precious or -nobility alloy) and low-
carat alloy (low-precious or –nobility alloy). The high-carat alloy contains more than 75 %
precious metals. Non-precious metal alloys such as stainless steels, cobalt-chromium, nickel-
chromium, and titanium alloys are also commonly used.

Among the dental alloys, precious alloys are widely used. Au alloys have been commonly used
in dental applications from past to the present, and many commercial variations of alloy
compositions have been developed, despite their high cost. American Dental Association
classifies these Au alloys on the basis of their mechanical properties. Many studies have been
carried out to improve the mechanical properties of the Au alloys containing copper (Cu) (Au–
Cu–Pd [1, 2], Au–Ag–Pd–In [3], Au–Cu–Zn [4], Au–Cu–Zn–Ag [5], and Au–Ag–Cu–Pd [6]
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alloys), with the main focus on the microstructural changes produced by heat treatment.
However, recent trends have shown that low-carat dental alloys (Ag and Pd alloys) are
attracting much attention as alternatives to Au alloys because of their lower price. Thus, Ag
alloys such as Ag–Pd–Cu–Au [7-17], and Ag–Cu–Pd–Au [18, 19] alloys have been developed
for commercial applications. The hardness of these alloys increases with aging or solution
treatment, and many studies have reported on the behaviors of these alloys in response to
various heat treatments and the various mechanisms. Dental casting of Ag–20Pd–14.5Cu-12Au
alloy (mass%) has been developed and used widely in Japan. In general, this alloy is subjected
to aging treatment (AT) at around 673 K after solution treatment (ST) at 1023 K in order to
enhance its mechanical strength. Recently, it has been reported that the mechanical strength
of Ag–20Pd–14.5Cu–12Au alloy is significantly enhanced when the alloy is subjected to ST at
temperatures higher than 1073 K and subsequently water quenched without any AT [9-16].
The Vickers hardness of this alloy increases with an increase in the cooling rate after ST [11].
This unique hardening behavior and the increase in mechanical strength induced by the high-
temperature ST have been explained in terms of the precipitation hardening caused by the
precipitation of an L10-type ordered β′ phase.

This chapter describes with focusing on the relationship between the unique hardening
behavior exhibited by the as-solutionized dental Ag–Pd–Cu–Au alloys and the corresponding
microstructural changes. Other mechanical properties (fatigue, fretting-fatigue, and friction
wear properties) and corrosion properties are also described.

2. Age hardening behavior of Ag–Pd–Cu–Au alloys

Ag-Pd alloys have complete miscibility in all composition ratios. Addition of Cu leads to age
hardening in these alloys. In the early researches during 1960–70s, mechanisms for age
hardening of Ag-Pd-Cu alloys were proposed [20-22]. According to them, the age hardening
was caused by the formation of a CuPd ordered phase (L20-type) [20], precipitation of a Cu-
rich α1 phase [21], and phase separation of α solid solution to a CuPd ordered phase (L20-type)
and Ag-rich α2 phase [22]. More recently, Au has been added to Ag-Pd-Cu alloys to increase
their corrosion resistance. Therefore, since 1980 to the present, many studies have focused on
the age-hardening mechanism of the Ag-Pd-Cu-Au alloys (Table 1) [8, 19, 23, 24]. Ohta et al.
[23] reported that the precipitation of a L10-type face-centered tetragonal CuPd ordered platelet
(β’) inside the grains and discontinuous precipitation of the Ag-rich α2 phase and CuPd
ordered phase (β) in the grain boundary regions enhance the hardening of Ag-Pd-Cu-Au alloys
with a low Au content (Au = 10 mass%). According to their report, TEM images of the
precipitates (β and α2) along the grain boundaries in the alloys show strain contrast and moiré
fringes, which indicates that β and α2 phases are coherent with each other. Solution hardening
behavior was also found in alloys subjected to ST at 1223 K followed by slow quenching (SQ)
before aging. Researches since 2000 have focused on the age hardening behavior of the Ag-Pd-
Cu-Au alloys as a function of the treatment duration [8, 19]. It was found that during the early
stage of the aging, diffusion and aggregation of Cu atoms from the Ag-rich α phase occur, and
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in the later stage, the hardness of the alloy decreases because of the coarsening of the Cu-rich
lamellar precipitates [8, 19]. At a Cu concentration of 20 mass%, the CuPd ordered phase (β)
does not exhibit any change after aging and thus does not contribute to the age hardening [19].

The age-hardening mechanism of Ag-Pd-Cu-Au alloys with an Au content of 20 mass% was
also investigated, and it was concluded that β’ and the discontinuous Ag-rich α2 phase
contribute to the age hardening of these alloys [24]. Fig.1 shows the hardness (Hv) of the
precipitates measured independently inside the grains (inter grain) and along the grain
boundaries (nodule) [24]. These curves indicate that there are two hardening stages of the
alloys in terms of aging temperature: the formation of β’ phase in the grain interior at low aging
temperatures and the precipitation of the Ag-rich α2 phase along the grain boundaries at high
aging temperatures. It was also found that the Cu concentration influences the formation of
β’ phase in these alloys (Fig. 2) [24]. The hardness (Hv) of each alloy increases with an increase
of the Cu concentration, i.e. the volume fraction of β’ phase, at any temperatures.

Compositions of Ag-Pd-Cu-Au alloys (mass%) References

Ag-20.9Pd-8.5Cu-12.5Au-2.5Zn-0.5Sn-0.1Ir [8]

Ag-20Pd-20Cu-12Au-2(Zn, Ir, and In) [19]

Ag-25.4Pd-21.8Cu-10Au [23]

Ag-25.20Pd-9.88Cu-20Au, Ag-30.32Pd-9.66Cu-5.04Au, Ag-25.4Pd-12.82Cu-9.96Au,

Ag-28Pd-9.12Cu-12.04Au

[24]

Table 1. Compositions of Ag-Pd-Cu-Au alloys (mass%).

Figure 1

Figure 1. Anisothermal age hardening curve of Ag-25.2Pd-9.88Cu-20Au alloy.
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Figure 2. Effect of Cu concentration (at%) on hardness (Hv) of Ag-30.32Pd-9.66Cu-5.04Au (A),
Ag-25.4Pd-12.82Cu-9.96Au (B), Ag-28Pd-9.12Cu-12.04Au (C), and Ag-25.2Pd-9.88Cu-20Au (D) alloys. SQ and RQ indi‐
cate specimens subjected to slow quenching and rapid quenching after ST, respectively.

Figure 3. (a) Diffraction pattern, (b) TEM image, and (c) HRTEM image of Ag-Pd-Cu-Au alloy subjected to ST at 1023 K
for 3.6 ks followed by aging treatment at 623 K for 1.8 ks.
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Figure 3 shows a diffraction pattern, a transmission electron microscopy (TEM) image, and a
high resolution TEM (HRTEM) image of β’ phase formed in the Ag–20Pd–14.5Cu–12Au alloy
subjected to ST at 1023 K for 3.6 ks followed by AT at 623 K for 1.8 ks [25]. β’ phase is platelet
shape with the size of about 10 nm long, which precipitates parallel to {200} crystal plane of
matrix. A lattice constant of a-axis matches with that of the matrix, which exhibits coherent
with the matrix [25].

3. Mechanical properties of Ag–20Pd–14.5Cu–12Au alloy

3.1. Unique hardening behavior

3.1.1. Precipitation of β′ phase after high temperature solution treatment

Commercial Ag–20Pd–14.5Cu–12Au dental alloy (as-received) is fabricated by a rolling
process. The commercial Ag–20Pd–14.5Cu–12Au alloy has a multiphase microstructure (α1,
α2, β). It is well known that the Ag–Pd–Cu–Au alloy exhibits age hardening behavior as
described in the section 2, but the drastic increase in the hardness of Ag–20Pd–14.5Cu–12Au
alloy through ST at temperatures over 1073 K subjected to water quenching has been newly
reported [10]. This unique hardening behavior has been explained in terms of two hardening
mechanisms: (1) solid solution hardening mechanism in which the alloying elements are
dissolved into the matrix (α phase) during ST, and (2) precipitation hardening mechanism, in
which L10-type ordered phases are precipitated during the quenching process after ST. Recent
studies on the hardening mechanism of Ag–20Pd–14.5Cu–12Au alloy have revealed that the
precipitation hardening mechanism is the probable mechanism for the unique hardening
behavior exhibited [11, 26].

Conventionally, dentists have employed AT for the hardening of Ag–20Pd–14.5Cu–12Au alloy
as mentioned above. Figure 4 [10] shows the effects of heat treatment (AT and ST) temperatures
on the mechanical properties (tensile strength, elongation, and hardness (HRA)) of this alloy.
The tensile strength and hardness increase until the temperature reaches 673 K, and then
decrease for up to 923 K due to the removal of strain from the alloy. At temperatures higher
than 923 K, this alloy exhibits a unique hardening behavior. Under AT, the tensile strength
and hardness of this alloy drastically increase and the elongation decreases after treatment at
673 K. On the other hand, under ST, the tensile strength and hardness still increase but the
elongation does not decrease after treatment at 1073 K. Since high temperature ST is very useful
for the hardening of this alloy, this treatment will be widely adopted in the future.

The relationship between the microstructural changes in the L10-type ordered β′ phase and
the hardening behavior in the solutionized alloys was investigated by changing the cooling
rate. Figure 5 shows a schematic drawing of various cooling rates employed after ST [11]. The
Vickers hardness of the as-received alloy and of the alloys subjected to ST followed by water
quenching (WQ), air cooling (AC), and cooling in a furnace (FC) are shown in Fig. 6 [11]. ST
subjected to WQ and AC leads to a significant and slight increase in the hardness of the alloy,
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respectively, while ST subjected to FC decreases the hardness of the alloy. Thus, the hardness
tends to decrease with a decrease in the cooling rate after ST.

Figures 7 and 8 show the microstructures of the as-received and solutionized alloy, respec‐
tively, as measured by backscattered electron (BSE) and energy dispersive X-ray spectroscopy
(EDX) analysis [13]. The as-received alloy composed of a Cu-rich α1 phase, an Ag-rich α2 phase,
and Cu–Pd intermetallic β phase, while the solutionized alloy composed of α2 and β phases.
After ST, the α1 phase dissolved into the Ag-rich α2 phase and the β phase remained in the
matrix. The β′ phase precipitated in the matrix could not be observed by BSE, but could be
observed by TEM.

Specimen 

Figure 5. Schematic drawing of heat treatments with various cooling rates after ST. ST1123K-WQ, ST1123K-AC, and ST1123K-
FC indicate specimens subjected to ST at 1123 K followed by water, air, and furnace cooling, respectively.

Figure 4. Effect of heat treatment temperature on mechanical properties of Ag–20Pd–14.5Cu–12Au alloy.
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Figure 6. Vickers hardness of as-received, ST1123K-WQ, ST1123K-AC, and ST1123K-FC.

Figure 7. BSE image and elemental mappings obtained by EDX of as-received Ag–20Pd–14.5Cu–12Au alloy.
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Figure 8. BSE image and elemental mappings obtained by EDX of Ag–20Pd–14.5Cu–12Au alloy subjected to ST at
1123 K for 3.6 ks.

The selected area diffraction patterns (SADP) and key diagrams obtained from TEM for the
alloy subjected to ST and WQ, given in Fig. 9, show that three variants of the L10-type ordered
β′ phase are present when the beam direction is parallel to [100] crystal direction: one variant
(P) has a c-axis parallel to the electron beam; the other two variants (N1, N2) have c-axes normal
to the electron beam [11]. The SADPs indicate that an L10-type ordered β′ phase is densely
precipitated in the matrix. The dark field images using a (001)N1 and (001)N2 reflections (Fig.
9 (d) and (e)) show that the β′ phase is 2–6 nm wide and 20–60 nm long. In the alloy subjected
to ST and AC, the β′ phase is 3–13 nm wide and 50–400 nm long, and in the alloy subjected to
ST and FC the β′ phase is 3–25 nm wide and 70–700 nm long, as confirmed by the dark field
images using a (001)N1 reflection. In the alloys subjected to ST followed by AC and FC, the β
′ phase is less densely precipitated than the alloy subjected to ST and WQ. These dark field
images indicate that the size and number of the β′ phase vary with the cooling rates after ST.
In the solutionized alloy subjected to WQ, the size of the β′ phase is small and the amount of
the β′ phase is large. The size of the β′ phase decreased and the amount of the β′ phase
increased with an increase in the cooling rate after ST. The driving force behind the nucleation
of the β′ phase in the solutionized alloy subjected to WQ is stronger than that in the solution‐
ized alloy subjected to AC and FC, because the degree of undercooling in the solutionized alloy
subjected to WQ is larger than that in the solutionized alloy subjected to AC and FC. The extent
of nucleation of the β′ phase in the solutionized alloy subjected to WQ is larger than that in
the solutionized alloy subjected to AC and FC. The β′ phase in the solutionized alloys subjected
to AC and FC grew more coarsely than that in the solutionized alloy subjected to WQ, because
the diffusion occurred more easily owing to the slow cooling process in the solutionized alloys
subjected to AC and FC. Therefore, it is likely that the β′ phase is formed during the cooling
process and grows by diffusion.
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Figure 9. TEM micrographs of ST1123K-WQ: (a) a selected area diffraction pattern, (b) a key diagram, (c) a bright-field
image, and (d) and (e) dark-field images using (001)N1 and (001)N2 reflections, respectively. The beam direction is par‐
allel to [100] crystal direction.

Figure 10. HRTEM micrographs of ST1123K-WQ: (a) a selected area diffraction pattern, (b) a key diagram, and (c) a
bright-field image. The beam direction is parallel to [100].
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Figure 10 shows the SADP, key diagram, and HRTEM bright field image of ST1123K-WQ [11].
The SADP and the key diagram in Fig. 10 (a) and (b) indicate that the FCC α phase and the
three variants of the L10-type ordered β′ phase are superimposed. The L10-type ordered β′
phase is precipitated in the FCC matrix after ST. The streaks on the reflection spots of the
L10-type ordered β′ phase indicate that the shape of the β′ phase is similar to a thin plate.
The HRTEM bright field image in Fig. 10 (c) shows that several nanometer-sized thick plate-
shaped β′ phase with two variants (N1, N2), whose c-axes are normal to the electron beam,
are precipitated in the matrix.

It is well known that it is difficult to make a single phase by quenching after high temperature
ST; the supersaturated vacancies help the solutes to diffuse more easily and also help to form
more clusters, G–P zones, and metastable phases during quenching after high temperature ST.
The precipitated β′ phase of ST1123K-WQ shown in Fig.9 (d), (e) and Fig. 10 (c) is like a thin plate
with a nanometer-scale thickness. These images also suggest that the formation of the β′ phase
is diffusion controlled. Generally, the formation of precipitates can be considered to be order–
disorder transition, diffusionless transformation (martensitic transformation), or diffusional
transformation. In the as-solutionized Ag–Pd–Cu–Au alloy used in this case, the dependence
of microstructural changes in the precipitated β′ phase on both the cooling rate after ST and the
ST temperature show that the precipitated L10-type ordered β′ phase is formed during the
cooling process and that the growth of the β′ phase is influenced by the diffusion process. The
hardness increases with an increase in the cooling rate after ST, and consequently, the hard‐
ness of ST1123K-WQ increases significantly by quenching after ST (Fig. 6). The fine β′ phase in
ST1123K-WQ is densely precipitated in the matrix. The hardness of ST1123K-AC increased only
slightly, while the hardness of ST1123K-FC decreases, as only coarse β′ phases are precipitated in
the matrix of ST1123K-AC and ST1123K-FC. Thus, the increase in hardness may be strongly affected
by the presence of finely precipitated β′ phase. The coherent precipitation of β′ phases with
long and short axes of around 100 nm and 10 nm, respectively, also occured during ST, although
the amount of β′ phase decreases with an increase in the ST time. The effect of solid solution
hardening in the α, α1, and α2 phases is lower than that exerted by the precipitation harden‐
ing due to β′ phases.

3.1.2. Hardening behavior of Ag–20Pd–12Au–14.5Cu alloy fabricated by liquid rapid solidification

An Ag–20Pd–14.5Cu–12Au alloy with a single α phase can be fabricated using a liquid rapid
solidification (LRS) method that employs a melting mechanism, as shown schematically in Fig.
11 [12]. The critical temperature for the order–disorder transformation in the Cu–Pd binary
phase diagram is below 1023 K, and hence, at 1023 K, the Cu-rich phase α1 and Ag-rich phase
α2 decompose, as shown in the Ag–Cu binary phase diagram. Figure 12 shows TEM micro‐
graphs of an Ag–20Pd–14.5Cu–12Au alloy fabricated by the LRS method [13]. No precipita‐
tion is observed in the matrix.

As shown in Fig. 12 (b) and (c), the LRS alloy consists of a single α phase with face centered
cubic structure (FCC). The tensile properties of the as-received Ag–20Pd–14.5Cu–12Au alloy
(AS), AS subjected to ST at 1123 K for 3.6 ks in vacuum (STAS/3.6 ks), LRS alloy (LRS), and LRS
alloy subjected to ST at 1123 K for 3.6 ks in vacuum (STLRS/3.6 ks) are shown in Fig. 13 [13]. The
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tensile strength and 0.2% proof stress of the AS alloy drastically increased after ST. The
elongation of AS subjected to ST is smaller than that of the AS alloy. On the other hand, the
tensile strength and 0.2% proof stress of the LRS alloy decrease after ST. The reduction in strain
and the coarsening of the α phase during ST result in the decrease in the tensile strength and
0.2% proof stress and the increase in elongation. The tensile strength of the LRS alloy and
solutionized LRS are relatively smaller than those of the AS alloy and the AS alloy subjected
to the ST.

Figure 12. TEM micrographs of alloy fabricated by LRS: (a) bright field image, (b) diffraction pattern and (c) key dia‐
gram. Beam direction is parallel to [100].

Figure 11. Schematic drawing of LRS method.
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Figure 14 shows the XRD profiles of the LRS alloy solutionized at 1173 K for 3.6 ks
(1173WQLRS/3.6 ks) and the LRS alloy subjected to AT at 673 K for 1.8–28.8 ks following the ST
(673WQLRS/1.8 ks-28.8 ks) [12]. A single α phase is identified in the solutionized LRS alloy,
whereas, in the LRS alloy subjected to AT after the ST, α2 and β phases are observed. The
Vickers hardness of the solutionized LRS alloy and the LRS alloy subjected to AT are shown
in Fig. 15. The hardness of the LRS alloy subjected to AT increases greatly as compared to that
of the solutionized LRS alloy with a single α phase owing to the precipitation of β phase.

Figure 13. Tensile properties of AS, STAS/3.6ks, LRS, and STLRS/3.6ks.

Figure 14

Figure 14. XRD profiles of (a) 1173WQLRS/3.6 ks, (b) 673WQLRS/1.8 ks, (c) 673WQLRS/3.6 ks, (d) 673WQLRS/7.2 ks, (e)
673WQLRS/14.4 ks, and (f) 673WQLRS/28.8 ks.
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Figure 15. Vickers hardness of 1173WQLRS/3.6 ks, 673WQLRS/1.8 ks, 673WQLRS/3.6 ks, 673WQLRS/7.2 ks, 673WQLRS/14.4
ks, and 673WQLRS/28.8 ks.

3.2. Fatigue properties

Dental prosthetic products produced by dental casting method are subjected to cyclic stress,
i.e., fatigue, because of mastication. Dental castings contain a number of casting defects such
as microshrinkages, pores, and surface roughness. The effects of these casting defects on the
fatigue properties of cast Ag–20Pd–14.5Cu–12Au alloy were investigated in comparison with
the fatigue properties of a drawn Ag–20Pd–14.5Cu–12Au alloy. The tensile properties of the
cast specimens and drawn specimens are shown in Fig. 16 [14]. The cast specimens were
prepared using a lost wax method. The drawn alloy bars were solutionized at 1073K for 3.6 ks
in vacuum and then cooled in air (D-1073AC (drawn)). The heat treatment produced a
microstructure with a matrix similar to that in an as-cast alloy. For the mechanical testing, the
following specimen dimension were used: gauge diameter 3 mm and gauge length 20 mm for
cast specimens, gauge diameter 2 mm and gauge length 20 mm for drawn specimens. The
surfaces of the cast specimens for tensile tests were sand blasted (non-polished). The tensile
strength and 0.2% proof stress of the cast specimens were higher than those of the drawn
specimens. The distribution of the elongation of the cast specimens was larger than that of the
elongation of the drawn specimens. The amount of intermetallic β phase that leads to the high
strength and low ductility is greater in the cast specimens than in the drawn specimens. The
microstructure of the cast specimens may be coarser than that of the drawn specimens. The
relationship between the volume fraction and the number of the microshrinkage as measured
on the fracture surface of the non-polished cast specimen and the elongation is shown in Fig.
17 [14]. Although no correlation was obtained between the volume fractions of the micro‐
shrinkage and elongation, the elongation decreases with an increase in the number of the
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microshrinkage. The surfaces of some fatigue test specimens were finished by buff-polishing
(polished). Drawn specimens with a gauge diameter of 5 mm and a gauge length of 20 mm
were used for the fatigue tests. Fatigue tests were carried out in order to obtain an S–N curve
for each specimen at a stress ratio, R, of 0.1 and a frequency of 10 Hz with a sine waveform in
air at room temperature (295 K). As can be seen in Fig.18 [14], the fatigue strength of the non-
polished specimen is similar to that of the polished specimen in both the low-cycle fatigue life
region and the high-cycle fatigue life region. The distribution of the fatigue strength of both
the cast specimens is greater than that of the fatigue strength of the drawn specimens. The
fatigue strength of the non-polished cast specimens was 352–492 MPa (Δσmax (range of σmax) =
140 MPa) at 105 cycles and 209–284 MPa (Δσmax = 75 MPa) at 106 cycles. The fatigue strength of
the polished cast specimens was 347–565 MPa (Δσmax = 218 MPa) at 105 cycles and 233–251 MPa
(Δσmax = 18 MPa) at 106 cycles. The fatigue strength of both cast specimens was lower than that
of the drawn specimens, and is extremely low in the high-cycle fatigue life region, where Nf

exceeds 105 cycles. The fatigue limits, which represent the fatigue strength for which the
number of cycles to failure is over 107 cycles, are around 210 MPa. On the other hand, although
the fatigue limit of the drawn specimen was not obtained, it is expected to be near 400 MPa.
Figure 19 [14] shows SEM fractographs taken near the site at which fatigue crack initiated in
the cast specimens and the drawn specimen, which then broke in the high-cycle fatigue life
region. In the case of the drawn specimen, the fatigue crack initiates at the slip band on the
specimen surface, but in the case of the cast specimens, the fatigue crack initiates from the
microshrinkage near the specimen surface. In general, slip damage accumulates on the
specimen surface, after which extrusion and intrusion take place. Next, the stress concentration
occurs and a fatigue crack initiates along the slip plane. If there are polishing scars, defects,
etc. on the specimen surface, stress concentration occurs, and the fatigue strength becomes
lower. The sizes of the microshrinkage areas and pores whose size exceeds 10 μm were
measured, because the microshrinkage areas and pores whose size is less than 10 μm were
difficult to distinguish from dimples on the fracture surface in the measurement on the
fractographs. The number and size of the microshrinkage, whose size exceeds 10 μm as
measured on the fatigue fracture surface, are greater than those measured on the cross- section
near the fatigue fracture surface. Therefore, the fatigue crack propagates by preferentially
linking the areas of microshrinkage. The number and size of the pores measured on the fatigue
fracture surface is nearly equal to those measured on the cross-section near the fatigue fracture
surface. Therefore, the effect of the pores on the fatigue properties is much smaller than that
of the microshrinkage.

In general, dental prosthetic materials sustain a stress of 20–230MPa during mastication.
Moreover, they must be able to sustain such cyclic stress over 10,000,000 times (107 cycles),
which is the calculated number of cycles that is equivalent to the number of times food will be
chewed in a span of ten years. Therefore, the target value of the fatigue limit of the cast
specimen is considered to be 230MPa, which is the greatest mastication stress. Since the fatigue
strength of this cast specimen is strongly dependent on the size of the microshrinkage that acts
as the fatigue crack initiation site, it is prudent to estimate the size of the microshrinkage. It is
also beneficial to know the size that can be tolerated, in order to achieve reliability in casting
that is subjected to fatigue fracture.
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3.3. Fretting–fatigue properties

Fretting–fatigue properties are also important for alloys that are used for dental applications,
because during mastication, fretting occurs between the alloys and the teeth opposite them.
Fig. 20 [15] shows the S–N curves of AS alloys subjected to ST at 1123 K for 3.6 ks followed by
WQ and AT at 673 K for 1.8 ks followed by WQ that were obtained from plain fatigue and
fretting–fatigue tests. The fretting–fatigue strength of the Ag–20Pd–14.5Cu–12Au alloy
subjected to ST and AT decreases significantly as compared to the fatigue strength without
fretting (plain–fatigue strength). The fretting–fatigue strength after the ST decreases by

Figure 16. Tensile properties of non-polished cast specimens (Cast) and drawn specimens (Drawn: D-1073AC
(drawn)).

Figure 17. Relationships between volume fraction or number of shrinkage on fractograph and elongation of non-pol‐
ished cast specimen.
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approximately 13% in the low-cycle fatigue life region and by approximately 40% in the high-
cycle fatigue life region, as compared to the fatigue strength of the solutionized alloy. More‐
over, the fretting–fatigue strength after the AT decreases by approximately 60% as compared
to that after the ST, especially in the high-cycle fatigue life region. A schematic drawing of
crack initiation from fretting damage region is shown in Fig.21 [15]. Although a slip between
the specimen and a fretting pat does not occur in the stick region, a microslip between the
specimen and the fretting pat occurs in the slip region during the deformation of the specimen.
A significant stress concentration is generated by the damage to the specimen surface caused

Figure 18. S-Nf curves of non-polished cast specimen (Non-polished (cast)), polished cast specimen (Polished (cast)),
and drawn specimen (D-1073AC(drawn)).

Figure 19. SEM fractographs in high-cycle fatigue life region: (a) non-polished cast specimen, (b) polished cast speci‐
men, and (c) drawn specimen. Arrows indicate crack initiation sites. σmax and Nf are the maximum cyclic stress and
number of cycles to failure, respectively.
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by the microslip. Fracture morphologies caused by crack initiation and propagation then
appear. It can be observed that several traces of fretting wear are distributed in the slip region
of both materials. These wear traces are generated by the accumulation of wear debris on the
fretting pad or on the fretting–fatigue specimen. These traces of fretting wear are distributed
more closely in the slip region of the material that was subjected to AT. Therefore, the fatigue
life decreases significantly because the fretting–fatigue crack initiation life and the propagation
life decrease in the material that was subjected to AT.

Figure 20. S–N curves of Ag–20Pd–14.5Cu–12Au alloy subjected to ST and AT obtained from plain fatigue and fret‐
ting fatigue tests.

3.4. Friction wear properties of Ag–20Pd–12Au–14.5Cu alloy in corrosive environments

Mastication also leads to friction wear in dental alloys and in teeth. As the friction wear
progresses, this eventually causes problems with mastication. Therefore, the evaluation of the
friction wear properties of dental alloys is quite important to the health of the teeth and oral
cavity. The friction wear property of Ag–20Pd–14.5Cu–12Au alloy that was subjected to
various heat treatments was evaluated in three corrosive environments: distilled water, 0.9%
NaCl solution, and 3% NaCl solution. In the friction wear testing, the alloys were subjected to
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STs at 1073 and 1123 K subjected to WQ, AT at 673 K, and ST at 1073 K subjected to AC. It was
found that the friction wear properties are influenced by the microstructures of this alloy as
well as by the corrosive environments. The friction wear tests were performed using a pin-on-
disk-type friction wear tester. The applied load, sliding diameter, sliding velocity, sliding
distance, and test duration were 9.8 N, 3 mm, 31.4 mm/s (100 rpm), 4.71×105 mm, and 115 ks,
respectively. The temperature of all the solutions was 310 K. The weight loss was calculated
by subtracting the combined weight of a specimen and the mating material it after the friction
wear test, from their combined weight before the test. Figure 22 [16] shows the total weight
loss and wear surface roughness of specimens that were subjected to each heat treatment in
each corrosive solution. The total weight loss (the sum of the weight losses of the specimen
and the material opposite it) of the specimens was largest in distilled water, 0.9% NaCl and
then 3% NaCl solution. A pin with a diameter of 1 mm, which was made from the as-received
alloy, was used as the mating material. The weight losses of the specimens and the mating
materials increased with a decrease in the kinematic viscosity of the solutions, due to the
increase in the average friction coefficient during the friction wear tests. In every environment,
the total weight loss of the specimen subjected to AT at 673 K, which gives a large amount of
precipitated β phase, was small compared with that of the other heat-treated specimens, due
to the higher degree of hardness near the contact surface, as also shown in Fig.4 [10]. The total
weight loss increased with the surface roughness of the contact surface. The hardness near the
contact surface changed the surface roughness of the contact surface. The mode of wear of
these alloys in a corrosive environment is adhesive wear. No tarnish, which is corrosion caused

Figure 21. Schematic drawing of crack initiation from fretting damage region.
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by chloride ion and the production of silver chloride coatings were found on the wear marks
or wear particles after the friction wear tests in each environment.

Figure 22. Total weight loss and wear surface roughness of specimen subjected to each heat treatment in each corro‐
sive solution. 1073AC, 1073WQ, 1123WQ, and AT673 indicate specimens subjected to ST at 1073 K for 3.6 ks fol‐
lowed by AC or WQ, ST at 1123 K for 3.6 ks followed by WQ and AT at 673 K for 1.8 ks.

3.5. Corrosion properties

The study of the corrosion properties of dental alloys is very important due to their usage in
severe oral environments. The formation of corrosion compounds on the surface causes the
alloy to tarnish. The corrosion behaviors of commercial Ag-22.41Pd-15.64Cu-12.1Au alloys in
various solutions were investigated by Ichinose [17]. The alloy was casted into a plate with 2
mm in thickness by heating at 973 K for 30 min. Table 2 [17] shows the rest-potential of the as-
cast alloy in 1% NaCl solution, artificial saliva, human saliva, and 1% C3H6O3 solution. The
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rest-potentials in 1% NaCl solution and 1% C3H6O3 solution show obviously higher values
than those for artificial and human saliva. The organic compounds in the artificial and human
saliva inhibit the redox reaction by adsorbing on the surface of the alloy or by the formation
of complexes with the metal. AgCl was formed on the surface of the alloy after anode polari‐
zation sweeping up to 1800 mV in 1% NaCl solution, artificial saliva, and human saliva, which
contain Cl ion. 90% of the released ions of the as-cast alloy immersed in human saliva for 24 h
were Cu ions (Fig.23 [17]). Cu contributes to the enhancement the hardness of the alloy.
However, a large amount of Cu in the alloy decreases the corrosion resistance. The as-cast alloy
was subjected to a softening treatment at 1073 K for 3 min followed by WQ (softened). An ingot
of the commercial Ag-22.41Pd-15.64Cu-12.1Au alloy was subjected to ST at 1123 K for 2 h and
then heated at 723 K for 1 h or 20 h (723 K 1h aged and 723 K 20 h aged, respectively). As shown
in Fig. 24 [17], the amounts of released Cu and Ag ions depend on the heat treatment that the
alloy is subjected to, because the corrosion behavior is influenced by the microstructure of the
alloy. The amount of Cu ions released from the as-cast alloy is higher than that released from
heat-treated alloys. Cavities formed by shrinkage during casting in the as-cast alloy are the
reason for this phenomenon.

Solution Rest–potential
1% NaCl solution 112.7 ± 22.4 mV
Artificial saliva 24.7 ± 17.2 mV
Human saliva 28.0 ± 20.4 V
1% C3H6O3 solution 113.6 ± 37.7 mV

Table 2

Figure 23

Table 2. Rest-potential of as-cast Ag-22.41Pd-15.64Cu-12.10Au alloy in various corrosive solutions.

Solution Rest–potential
1% NaCl solution 112.7 ± 22.4 mV
Artificial saliva 24.7 ± 17.2 mV
Human saliva 28.0 ± 20.4 V
1% C3H6O3 solution 113.6 ± 37.7 mV

Table 2

Figure 23
Figure 23. Amounts of ions released from as-cast Ag-22.41Pd-15.64Cu-12.10Au alloy immersed in human saliva for
24 h.

4. Summary

This chapter details the microstructure, the mechanical properties (hardness, fatigue, fretting-
fatigue, and friction-wear), and the corrosion properties of the Ag–Pd–Cu–Au alloys, espe‐
cially the Au-20Pd-14.5Cu-12Au alloy. Most studies on these alloys have been carried out in
Japan and Korea. Although other dental materials such as high carat gold alloys, amalgam,
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and non-precious alloys such as titanium and its alloys, cobalt-chromium alloys, and nickel–
chromium alloys are also important, the authors intended to introduce present results of
studies on the Ag–Pd–Cu–Au alloys to researchers who study dental materials all over the
world through this chapter.

A variety of test results showed that the hardness of the alloy can be drastically increased
through ST at a temperature over 1073 K subjected to WQ. The L10-type ordered phase (β′
phase) precipitated during the quenching process leads to this unique hardening behavior.
The hardness of the alloy increased with an increase in the cooling rate following ST, because
the size of the β′ phase decreased and the number of the β′ phase increased with an increase
in the cooling rate following ST.

It was also found that the fatigue strength of a cast alloy was considerably less than that of a
drawn alloy. The fatigue crack of a cast alloy initiated preferentially at the shrinkage near the
specimen surface. The deviation of the fatigue strength of the cast alloy became small by
relating the fatigue life to the maximum stress intensity factor that was calculated, assuming
that the shrinkage that begins as a fatigue crack initiation site becomes an initial crack. This
means that the size of the shrinkage strongly affects the fatigue strength of this cast alloy. A
tolerable shrinkage size that satisfies the target value of the fatigue limit (230 MPa) of this cast
alloy was calculated to be below 80 μm, using a derived equation that describes the relationship
between the maximum stress intensity factor and the number of the cycles to failure.

The fretting–fatigue strength of the Ag–20Pd–12Au–14.5Cu alloy subjected to ST and aging
treatment decreased significantly as compared to the fatigue strength without fretting. The
fretting–fatigue strength after the aging treatment decreased by approximately 60% as
compared to that following the ST, especially in the high-cycle fatigue life region.

The total weight losses (the sum of the weight losses of a specimen and of the mating material)
of specimens were largest in distilled water, subjected to 0.9% NaCl and then 3% NaCl solution.
In every environment, the total weight loss of a specimen subjected to aging treatment at 673
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Figure 24. Cu and Ag release amounts from as-cast, softened, WQ, 723 K 1h aged, and 723 K 20 h aged
Ag-22.41Pd-15.64Cu-12.10Au alloys immersed in human saliva for 24 h.
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K, which gives a large amount of precipitated β phase, was small compared with that of the
other heat treated specimens, due to the higher degree of hardness near the contact surface.

The Ag-Pd-Cu-Au alloys have excellent mechanical and corrosion properties, but the relatively
high cost and supplied amounts of these alloys are issues to be used widely. The authors hope
that the Ag-Pd-Cu-Au alloys is further investigated by many researchers for its wide usage.
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Ceramic-On-Ceramic Joints:
A Suitable Alternative Material Combination?

Susan C. Scholes and Thomas J. Joyce

Additional information is available at the end of the chapter
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1. Introduction

Total hip replacement (THR) surgery has been available for several decades and is now a
relatively common procedure. Since the introduction of the Charnley metal-on-ultra-high
molecular weight polyethylene (UHMWPE) hip prosthesis, THR is seen as one of the most
successful orthopaedic operations available today. There are currently over 80,000 hip re‐
placement procedures carried out in England and Wales [1] each year and THR has now be‐
come more popular with the younger, more active patient. This is shown in the statistics
reported in the National Joint Registry; 12% of the patients who undergo THR are under the
age of 55 and 85% of these are recorded as being either fit and healthy (16%) or with mild
disease that is not incapacitating (69%) [1]. However, failure of these artificial joints does oc‐
cur, leading to the need for revision surgery; approximately 10% of the THR procedures re‐
ported are revision operations [1].

Failure, in many cases, is due to aseptic loosening [1, 2]. With the conventional metal-on-
UHMWPE joint this has been shown to be due to wear particle induced osteolyisis [3]. Al‐
though 90% of these joints are operating well 15 years after implantation [2] this wear
particle induced osteolysis may lead to repetitive revision requirements for the younger,
more active patient.

An alternative to the conventional metal-on-UHMWPE type of hip joint is to use ceramic-
on-ceramic joints. Ceramic-on-ceramic joints were first introduced in the early 1970s but of‐
ten resulted in poor performance due to fixation problems, poor quality alumina as a result
of inadequately controlled grain size and other material properties (leading to catastrophic
wear), and sub optimal design parameters such as too large a clearance. The work of many
people over the years, including material scientists and engineers, has improved the quality
of these ceramics. Therefore, since the introduction of the standard for ceramic production
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(ISO 6474:1981 (second-generation ceramics), which was replaced with ISO 6474:1994 (third-
generation ceramics) and has now been replaced by ISO 6474-1:2010 (fourth-generation ce‐
ramics)) the performance of these all ceramic bearings has been greatly improved [4, 5]. The
third and fourth-generation alumina ceramics are manufactured using hot isostatic pressing.
This produces a material that is highly pure with a small grain size (≤ 2.5 μm and many
manufacturers produce ceramics with even smaller grain sizes) that provides material
strength and minimises the risk of fracture. The majority of the ceramic-on-ceramic joints
discussed in this chapter were produced using third-generation ceramics.

Ceramic-on-ceramic hip prosthesis performance will be reviewed in this chapter (in vitro
and in vivo) along with a discussion of the concerns with ceramic-on-ceramic joints that hap‐
pen in a minority of cases such as joint “squeaking” and component fracture. The majority
of articles reviewed discuss the performance of alumina-on-alumina joints. There are, how‐
ever, other ceramic materials available on the market today for use in orthopaedic surgery,
for example BIOLOX® delta (an alumina matrix composite containing 72.5% alumina, 25.5%
zirconia, and 2% mixed oxides). The reader will be made aware when joints made from this
material are discussed.

2. Ceramic-on-ceramic hip prosthesis performance

The performance of ceramic-on-ceramic hip joints has been evaluated using data obtained
from joints operating well within the body, prostheses retrieved due to joint failure and also
tests performed within the laboratory. Firstly, the in vitro laboratory tests results will be dis‐
cussed, then the in vivo data will be given. In addition to this, “squeaking”, one of the most
common concerns relating to ceramic-on-ceramic joints will be discussed.

2.1. In vitro

The majority of recent papers discussing the tribology (lubrication, friction and wear) of ce‐
ramic-on-ceramic hip joints detail tests done under ‘severe’ conditions such as malposition‐
ing, edge-loading or microseparation. There are, however, some earlier studies that describe
how these joints operate under ‘standard’ conditions.

A well positioned ceramic-on-ceramic hip, tested under the loads and motions expected
during the standard walking cycle, performs exceptionally well in terms of friction, lubrica‐
tion and wear [6-24]. Friction tests using different viscosities of carboxy-methyl cellulose
(CMC) solution show that these joints operate close to full-fluid film lubrication with very
low friction factors (0.002 at physiological viscosities) [6, 12]. These ceramic-on-ceramic
joints have been shown to have very low surface roughness values that play a part in this
low friction [6]. Tests were also performed using different viscosities of bovine serum [6, 12].
Bovine serum is often used in the laboratory as a replacement for the body’s natural lubri‐
cating fluid, synovial fluid, as it contains proteins that act in a similar manner to those
present in synovial fluid and although CMC fluids replicate the shear-thinning behaviour of
synovial fluid, they do not contain any proteins. The introduction of these proteins into the
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lubricating fluid resulted in higher friction (0.03 at physiological viscosities) and mixed lu‐
brication. These results are shown as Stribeck plots in Figure 1. A Stribeck plot shows the
measured friction factor plotted against Sommerfeld number (a dimensionless parameter
dependent on the lubricant viscosity, the entraining velocity of the bearing surfaces, the joint
radius and the load applied). A rising trend of friction factor with increasing Sommerfeld
number is indicative of a full-fluid film lubrication regime, whereas a falling trend is nor‐
mally indicative of mixed lubrication. In full-fluid film lubrication, the surfaces are com‐
pletely separated by the lubricant and the friction generated is due solely to the shearing of
the lubricant film. In mixed lubrication, the load is carried in part by the contact between the
asperities of the bearing surfaces and also by the pressure generated within the lubricant.
Although the bovine serum tests suggested that these ceramic-on-ceramic joints were oper‐
ating in mixed lubrication with some asperity contact, there was no surface damage evident
on the joints after testing. It was speculated that the proteins that adhere to the ceramic sur‐
faces when using protein-based lubricants produce a sufficiently thick layer to penetrate the
fluid film and result in protein-to-protein contact and shearing. It is likely that the subse‐
quent friction developed by the protein-to-protein contact is greater than that due to the
shearing of the lubricant film alone. Therefore, although higher friction and mixed lubrica‐
tion is encountered when testing under more physiological lubricating conditions, there is
still little asperity contact during the normal walking cycle [12].
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Figure 1. Stribeck plot for ceramic-on-ceramic joints (Scholes et al (2006) [12]). CMC: CMC fluids; BS: bovine serum.

With this good lubrication and low surface roughness the wear volumes produced under
‘standard’ conditions in the laboratory have, inevitably, been shown to be very low (less
than 0.4 mg/million cycles cf. approximately 35 mg/million cycles for conventional metal or
ceramic-on-UHMWPE joints, see Table 1), and sometimes almost immeasurable. As these
ceramic-on-ceramic joints are working close to full-fluid film lubrication there is little or no
contacting of the asperities on the joint surfaces leading to this low wear and friction [6, 12].
Also, laboratory studies have shown that cup malpositioning and elevated swing phase load
testing have not significantly affected the wear of these joints [21, 22, 25, 26], see Table 2.
This combination should, therefore, lead to a very successful artificial joint.
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Reference Material combination Components
Wear rate (mg/million

cycles)

[27] Metal-on-UHMWPE UHMWPE cup 47.4

[27] Ceramic (zirconia)-on-UHMWPE UHMWPE cup 37.9

[28] Metal-on-UHMWPE UHMWPE cup ~33.7

[28] Ceramic (zirconia)-on-UHMWPE UHMWPE cup ~29.0

[29] Metal-on-UHMWPE UHMWPE cup ~40.9

[29] Ceramic (zirconia)-on-UHMWPE UHMWPE cup ~29.5

[13] Ceramic-on-ceramic Head and cup ~0.25

[16] Ceramic-on-ceramic Head and cup ~0.16

[17] Ceramic-on-ceramic Head and cup < 0.04

[18] Ceramic-on-ceramic Head and cup 0.09

[24] Ceramic-on-ceramic Head and cup ~0.20

Table 1. Wear rates found for well-positioned conventional metal or ceramic-on-UHMWPE and ceramic-on-ceramic
joints under standard testing conditions

More severe loading conditions have, however, given slightly different results. Microsepara‐
tion was first introduced during the swing phase of the walking cycle on the Leeds hip wear
simulator [30] to replicate the stripe wear sometimes seen on retrieved ceramic-on-ceramic
joints. Microseparation was incorporated in the simulator studies at Leeds because a year
earlier, it was suggested by Mallory et al (1999) [31] that this separation of the femoral head
and acetabular cup can occur in conventional metal-on-UHMWPE joints. Nevelos et al (2000)
[30] hypothesised that a similar mechanism may take place in ceramic-on-ceramic joints re‐
sulting in the visible stripe wear found on some retrievals. Microseparation was, therefore,
set up in the simulator and involved separation of the femoral head and acetabular cup dur‐
ing the swing phase of walking leading to relocation (with rim contact and edge-loading)
during heel strike before the head then relocated in the cup in the stance phase (see Figure
2). The surface damage caused by this rim contact resulted in what is known as stripe wear.

Figure 2. Microseparation as applied in the Leeds simulator by Nevelos et al (2000) [30]. (A) Swing phase: microsepa‐
ration. (B) Heel-strike: rim contact. (C) Stance phase: relocation.
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Using this microseparation technique, Nevelos et al (2000) [30] found slightly higher wear
rates with ceramic-on-ceramic joints than found under ‘standard’ conditions (see Table 2).
This study, however, was relatively short-term (800,000 cycles). Longer-term tests per‐
formed by Stewart et al (2001) [32] on the same simulator gave similar results to those found
by Nevelos et al (2000) [30]. Other workers have also found an increase in wear rate with
microseparation [33]. More recent work performed by Al-Hajjar et al (2010) [25] studied BI‐
OLOX® delta couplings. These joints gave lower wear than that found for alumina-on-alumi‐
na joints. Microseparation of the BIOLOX® delta joint surfaces, again, resulted in higher
wear. The wear rates found using microseparation are, however, still extremely low in com‐
parison with conventional joints (see Tables 1 and 2).

Reference Wear conditions Components Average wear rate (mg/million cycles)

[11] Standard Cup only < 0.02

[13] Standard Not stated ~0.25

[16] Standard Head and cup ~0.16

[17] Standard Head and cup < 0.04

[18] Standard Head and cup 0.09

[19] Standard Cup only ~0.40

[21] Standard Not stated ~0.24

[22] Standard Cup only ~0.32

[24] Standard Head and cup ~0.20

[21] Elevated cup angle Not stated ~0.20

[25] Elevated cup angle Not stated 0.20

[22] Elevated swing phase load Cup only 0.36

[25] Microseparation Not stated 0.52

[30] Microseparation Not stated 4.78 (after 800,000 cycles)

[32] Microseparation Not stated
(mild) ~0.40

(severe) ~5.17

[33] Microseparation Head and cup 1.55

Table 2. Wear rates found for alumina-on-alumina joints under standard testing conditions and microseparation

It is still unknown if it is this microseparation that causes the stripe wear that is observed on
some retrievals or whether this type of wear is due simply to edge-loading of the head on
the cup through a different mechanism. Higher rates of wear including the appearance of
stripe wear may also be due to a steep acetabular cup implantation angle or repeated dislo‐
cations [34]. Microseparation, or edge-loading, may occur during various different physical
activities such as stair climbing, standing from squat position and deep flexion. It may, how‐
ever, also occur during walking. These simulator studies incorporating microseparation of
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the head and cup into the walking cycle are therefore a severe testing method. The resulting
rim contact and stripe wear does, however, replicate the more severe conditions that these
joints may encounter thus producing the same effect that is seen on some retrievals but not
necessarily through the correct corresponding actions.

If, and when, wear of these ceramic components occurs it is important to understand how
the body is likely to react to these wear particles. It is well known that wear particle induced
osteolysis is a major concern for conventional metal-on-UHMWPE joints [3] but is this the
case for ceramic-on-ceramic prostheses? Promisingly, several workers have shown that the
cellular response to ceramic particles is less severe than that due to polyethylene particles
[35, 15]. An important point to note with the laboratory tests discussed above is that, even
under extreme loading and motion conditions, these joints provide low wear with a minimal
adverse tissue reaction to these wear particles. As stated by Fisher et al (2006) [15], the com‐
bination of low wear and low reactivity means that ‘...ceramic-on-ceramic bearings address
the tribological lifetime demand of highly active patients.’.

2.2. In vivo

As shown above, the laboratory test results for ceramic-on-ceramic joints are very promising.
Is this mirrored by the in vivo performance? There are many publications detailing the per‐
formance of ceramic-on-ceramic hip joints in the body. A selection of these papers is discussed
below to give a general overview of joint performance using this material combination.

The short-term (mean follow-up of 50.4 months) performance of ceramic-on-ceramic joints
was compared to that of metal-on-highly cross linked polyethylene (XLPE) joints in a study
reported by Bascarevic et al (2010) [36]. Seventy-five metal-on-highly XLPE hips (72 patients)
and 82 ceramic-on-ceramic hips (78 patients) were assessed. Both were found to work well
with no revisions performed on the ceramic-on-ceramic joints compared with 2 revisions
necessary for the metal-on-highly XLPE group. The authors commented that ceramic-on-ce‐
ramic components manufactured using third-generation ceramics were “especially suited
for hip arthroplasty in young and active persons”.

A comparative study was also performed by Amanatullah et al (2011) [37]. The short-term
performance (60 months) of 125 ceramic-on-ceramic hip joints was assessed against 95 ce‐
ramic-on-UHMWPE prostheses. In this study both the material combinations preformed
well and no statistically significant difference was found between the clinical outcome
scores for the two types of prosthesis, however, one important point to note is that audible
noise such as “squeaking” did occur in 3.1%. of the ceramic-on-ceramic hips. “Squeaking” is
a phenomenon reported by others and this will be discussed later. It was noted that this is a
short-term study (five years) and, as the metal-on-UHMWPE hips did not produce as low
wear rates in the radiographic analysis, osteolysis may occur at a later stage.

Another short-term study comparing the results of 525 hips (421 ceramic-on-ceramic and
104 metal-on-UHMWPE) was reported by Johansson et al (2011) [38]. These joints had been
implanted for an average of 59 months. The survival rates were 98% and 92% for the ceram‐
ic-on-ceramic and metal-on-UHMWPE hip joints respectively.
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A short-term study (60 month follow-up) reported by Nikolaou et al (2012) [39] assessed and
compared the performance of 36 metal-on-UHMWPE, 32 metal-on-highly XLPE and 34
third-generation ceramic-on-ceramic hip joints. The apparent wear of the bearing surfaces
was assessed radiologically. The ceramic-on-ceramic joints showed the lowest wear (mean
linear wear 0.035 mm) and the metal-on-highly XLPE gave nearly 3 times lower wear than
the metal-on-UHMWPE joints (0.329 mm cf. 0.869 mm). At 60 months, no difference in clini‐
cal outcome was found for these three different material combinations. “Squeaking” was ob‐
served in 3 (8.8%) of the ceramic-on-ceramic joints; no revision procedures were necessary
as a results of this squeaking though.

Early to mid-term results were also reported by Stafford et al (2012) [40]. At a mean follow-
up of 59 months six of these 250 ceramic-on-ceramic hips were revised. Two were revised
for recurrent dislocation secondary to impingement, two for deep infection, one for recur‐
rent dislocation and one due to fracture of the femoral head. Although no patients experi‐
enced “squeaking”, six described a grinding or crunching noise that was experienced
mainly during deep flexion. One of these “squeaking joints” was a BIOLOX® delta ceramic
prosthesis. Again, no revision surgery was performed on these noisy joints.

Mesko et al (2011) [41] assessed the outcome of 930 ceramic-on-ceramic hips over 10 years
that were implanted by nine different surgeons. The survivorship at 10 years (96.8%) was
referred to as ‘excellent’ with 0.9% fracture, 2.3% dislocation and 2.5% reported incidents of
noise such as clicking, squeaking, popping, or creaking.

Another 10 year follow-up was reported by Yeung et al (2012) [42]. The clinical information
was available for 244 hips (227 patients) and the radiographic information was available for
184 hips (172 patients). The success of these joints led to an overall survival rate of 98%
(again, with revision for any reason as the end point).

In a multicentre study performed by Capello et al (2008) [43], 452 patients (475 hips) were
assessed. The majority of the hips implanted were ceramic-on-ceramic (380) whilst the re‐
mainder (95) were conventional metal-on-UHMWPE and used as a comparison. The aver‐
age patient age was 53 years and there was an average 8 year follow-up period. The authors
found the clinical results to be excellent. The ten-year Kaplan-Meier survivorship (with revi‐
sion of either component for any reason given as the end-point) was stated as 95.9% for the
ceramic-on-ceramic hip joints and 91.3% for metal-on-UHMWPE. The ceramic joints, there‐
fore, performed better than the conventional joints and because one of the major causes of
failure for conventional metal-on-UHMWPE joints is late aseptic loosening due to osteolysis,
a longer term study is likely to give a greater difference in survivorship ratings. Of the ce‐
ramic-on-ceramic failures requiring revision, only 2/380 (0.5%) were due to ceramic frac‐
tures. Therefore, overall it was concluded that the third-generation ceramic-on-ceramic hip
joints performed well clinically and radiographically in this young patient group. Although
these joints performed relatively well “squeaking” was reported in 3/380 (0.8%) cases for the
ceramic-on-ceramic joints.

In the study reported by Lee et al (2010) [44], the ten year survival rate of 88 ceramic-on-ce‐
ramic hip joints, with revision of either the head or the cup for any reason being as the end
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point, was 99.0%. These results were taken after a minimum of 10 years postoperatively and
are, indeed, very promising.

A long-term study on earlier generation ceramic joints was performed by Hernigou et al
(2009) [45]. This was a comparative study which investigated the wear and osteolysis of 28
bilateral arthroplasties (one ceramic-on-ceramic and the contralateral ceramic-on-
UHMWPE). All of these joints (ceramic-on-ceramic and ceramic-on-UHMWPE) had lasted
20 years without the need for revision surgery. Computer tomography (CT scan) was used
to assess the number and volume of osteolytic lesions present. Fewer osteolytic lesions were
found on the side with the ceramic-on-ceramic joint; there were 13 cases of pelvic osteolysis
found and 15 joints showed evidence of femoral osteolysis (cf. 24 joints with pelvic osteoly‐
sis and 23 with femoral osteolysis for the ceramic-on-UHMWPE joints). Also, in each pa‐
tient, the diameter, surface and volume of osteolysis was substantially lower on the side
with the ceramic-on-ceramic hip implant than the ceramic-on-UHMWPE joint. It must also
be remembered that these joints were manufactured using first-generation ceramics and the
ceramics produced to the standard expected for third and fourth-generation ceramics are ex‐
pected to perform even better.

Another longer-term study (mean 20.8 years), again with earlier generation ceramics, per‐
formed by Petsatodis et al (2010) [46] also showed good results. There were 100 patients in
this study, all with at least one ceramic-on-ceramic hip joint (109 hips) and, again, a young
patient population (average age 46 years). The cumulative rate of survival was quoted as be‐
ing 84.4% at 20.8 years.

Although these results are promising, in the majority of cases, the follow-up period particu‐
larly for the third generation ceramics, was only short-term. It will, therefore be very inter‐
esting to evaluate the performance of these third and fourth-generation ceramic-on-ceramic
joints, along with the metal and ceramic-on-highly XLPE, on a longer-term basis. These re‐
sults are eagerly anticipated.

The papers discussed so far have shown exceptional performance of ceramic-on-ceramic
joints and suggests that these joints may perform better than metal or ceramic-on
UHMWPE. This, however, is not reflected in the data described in the National Joint Regis‐
try (NJR) of England and Wales (2011) [1]. Promisingly though, the NJR states that there is
‘little substantive difference’ in the risk of revision for ceramic-on-ceramic, ceramic-on-poly‐
ethylene or metal-on-polyethylene joints. It is, however, not stated whether this polyethy‐
lene is UHMWPE or XLPE and the differences in performance between these two materials
is not listed.

Although, as discussed above, many of these ceramic-on-ceramic hip joints perform excep‐
tionally well, early dislocation is seen as a possible concern due to limited modular neck
length and other factors. In the majority of the published literature referred to in this text
[47, 36, 48, 43, 49, 50, 46, 51-57, 41, 40], the occurrence of dislocation is 0% - 2.3%. The num‐
ber of dislocations was higher (6%) in a study reported by Chevillotte et al (2011) [58], how‐
ever, no reoperation was required for any of these cases. Colwell et al (2007) [53]
summarised other published literature detailing the number of dislocations in ceramic-on-
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ceramic hip joints in comparison with metal-on-polyethylene and found no difference be‐
tween the two material combinations. In addition to this Amanatulla et al (2011) [37] and
Bascarevic et al (2010) [36] showed no difference in the number of dislocations for ceramic-
on-ceramic and ceramic-on-UHMWPE or metal-on-highly XLPE hip prostheses. Often there
is no need for revision surgery after dislocation, unless it is recurrent dislocation.

Component fracture in ceramic-on-ceramic hips is another cause for concern for many sur‐
geons and patients. The fracture rates of ceramic joints have been dramatically reduced
since the introduction of third and fourth-generation ceramics with the new material proc‐
essing methods. Ceramic-on-ceramic joints have strict regulations that must be abided by
with regard to material properties such as burst strength; as discussed in work reported by
Salih et al (2009) [59]. However, fracture of these components does still occur, leading to
catastrophic joint failure and revision surgery. In the majority of cases though, this fracture
rate is extremely low (0% - 0.5%) [60, 61, 43, 49, 45, 50, 46, 51, 48, 55, 57, 40]. Some reports do,
however, give a higher rate of post-operative fracture (1-2.3%) [62, 44, 37, 42, 47, 39]. Frac‐
ture is often associated with trauma, however a multicentre review reported by Park et al
(2006) [63] discussed the performance of 357 third-generation ceramic-on-ceramic THRs and
fracture occurred under normal activities in six of these hips (1.7%). This design used a poly‐
ethylene-ceramic composite liner within a titanium alloy shell and the high rate of fracture
led to the authors discontinuing its use. It must be recognised though that, in general, the
rate of fracture for ceramic-on-ceramic hip joints is very low. In fact, an article describing the
fracture of ceramic joints (Hannouche et al (2003) [64]) stated that during a 25 year period
(1977 – 2001) 11 (less than 0.004%) of the 3300 ceramic-on-ceramic joints reported on failed
due to fracture. This low rate of fracture is from ceramics produced using earlier versions of
the ISO standard and, so, this is expected to reduce even further and many studies using
third-generation ceramics have reported no failures due to fracture [51, 36, 65, 66], Fracture
must, however, still be recognised as a risk (albeit very low) with ceramic-on-ceramic joints.

For what other reasons does failure occur? Savarino et al (2009) [67] analysed the clinical, ra‐
diographic, laboratory and microbiological data from 30 retrieved ceramic-on-ceramic hip
components. They concluded that failure was due to malpositioning of the joint during sur‐
gery leading to mechanical instability, or trauma or infection. Loosening in this selection of
joints was not due to wear debris induced osteolysis. They indicated that the wear debris
produced by these joints and the osteolysis present were the effect of the loosening, rather
than the cause. It is stated that correct positioning of the implant is crucial. This has also
been stated by other workers [54].

A case study was reported by Nam et al (2007) [68] discussing a failed ceramic-on-ceramic
hip joint where failure was stated as being caused by alumina debris-induced osteolysis. A
sixty-three year old woman underwent bilateral THR in 1998. Eight years later the patient
returned to the clinic for routine follow-up and was experiencing no discomfort or worrying
symptoms. However, the radiographs taken showed expansive osteolytic lesions. After revi‐
sion surgery a histologic analysis of the retrieved tissues showed alumina particles within
the cytoplasm of macrophages and in intercellular tissue suggesting wear particle induced
osteolysis. Alumina wear particle-induced osteolysis is, however, a very rare phenomenon.
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Chang et al (2009) [69] reported on the clinical and radiographic outcomes when using third-
generation ceramic-on-ceramic joints in revision THR of 42 failed metal-on-UHMWPE hips.
This was an interesting study as most published literature discuss the choice of bearing ma‐
terial for primary surgery and, as stated by the authors, ‘...few studies have focussed on the
choice of bearing surface in revision...’. This was a young patient group (mean age: 48.8
years, range: 32 – 59 years) and the mean length of time between primary and revision sur‐
gery was 9.5 years (range: 3.3 – 16.1 years). The mean duration of follow-up after this revi‐
sion surgery was 64 months (range: 38 – 96 months). At the time of publication of this
article, no hips needed additional revision surgery and no hips showed radiolucent lines,
acetabular cup migration or osteolysis. This study gives very favourable results for the use
of ceramic-on-ceramic hip joints in revision surgery, especially for the younger patient as the
likelihood of the need for further revision is greater.

3. The “squeaking” hip

Another concern with hard-on-hard bearing couples such as ceramic-on-ceramic and metal-
on-metal is the incidence of noise or “squeaking” in these joints. Audible sounds such as
squeaking, clicking, snapping, cracking, grinding, rustling, crunching and tinkling are all re‐
ferred to in this text as “squeaking”. “Squeaking” can be present during different kinds of
activity including stair climbing, bending forward, squatting, standing from a chair and
walking. The occurrence of this “squeaking” has been reported by many workers to differ‐
ent degrees.

Jarrett et al (2009) [52] described a group of 131 patients from which 14 (10.7%) suffered an
audible “squeak” during normal activities (however, only 4 of these patients were able to
reproduce the “squeak” during the clinical review session). They stated that none of the pa‐
tients had undergone revision surgery specifically because of “squeaking”, however, longer-
term follow-up was needed to monitor this noise.

Mai et al (2010) [70] reported noise or “squeaking” in 17% of 320 ceramic-on-ceramic hips
and Keurentjes et al (2008) [71] found “squeaking” in 20.9% of cases. From their study they
concluded that short neck length of the femoral component was a potential risk factor for
“squeaking”.

A study performed by Cogan et al (2010) [72] reported on the occurrence of “squeaking” in a
patient population with at least one ceramic-on-ceramic hip; 10.6% of 265 hips demonstrated
“squeaking”. Two other published studies report on “squeaking” in 15% and 8.8% of the pa‐
tient population [44, 39]. Other published literature suggests that “squeaking” occurs in 0% -
6% of patients [73-75, 40, 65, 50, 61, 56, 76, 43, 49, 51, 37, 58, 41, 77]. The “squeaking”
phenomenon tends to appear at an average of 28.8 months (range of averages 5.7 - 66
months) post-operatively.

After 10 years of follow-up Chevillotte et al (2012) [73] discussed the performance of 100, third-
generation ceramic-on-ceramic joints. By use of a questionnaire, 5% of these patients reported
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the occurrence of “squeaking”. All of these patients were active, sporty and heavy men.
“Squeaking” was not related to any malpositioning, wear or loosening of the joint and none of
the 100 patient group suffered from any component fracture. In this paper it was stated that
“squeaking” noise seems to be an isolated phenomenon with no consequences for the patient
regarding functional results and on the implant longevity at 10 years of follow-up’.

The largest study to date (Sexton et al (2011)) [75] reported on the occurrence of “squeaking”
and the role of patient factors and implant positioning in 2406 ceramic-on-ceramic hips at a
mean follow-up of 10.6 years. Seventy-four hips (73 patients, 3.1%) made “squeaking”
sounds at a mean time post-operatively of 40 months. Taller, heavier and younger patients
with higher activity levels were found to be more at risk of developing a “squeaking” hip.
However, there was no relationship between BMI and the prevalence of “squeaking”. Inter‐
estingly, it was found that at a mean follow-up of 9.5 years, 11 of these hips (15%) had stop‐
ped “squeaking”. Therefore, “squeaking” is not necessarily a permanent complication.

There is great debate over the cause of “squeaking” in ceramic-on-ceramic THRs. Several
possible causes of “squeaking” are edge-loading [78], component malpositioning [78-80] or
component or stem design [74, 81, 70, 77]. Other workers have also related “squeaking” to
patient weight, height or age [70, 78, 79]. It is possible that a number of factors need to be
present to initiate the “squeaking” phenomenon. The occurrence of “squeaking” has not
been found to compromise the results of ceramic-on-ceramic hip joints; however, some pa‐
tients do request revision surgery in order to solve the “squeaking” issue [82].

Recently, laboratory studies have been performed in an attempt to re-create the conditions
required to generate this “squeaking”. Some authors have observed “squeaking” with ce‐
ramic-on-ceramic hip joints lubricated under dry conditions [83, 84, 73]. However, such an
extreme lubrication regime is not expected to occur in vivo [85]. Work performed by Currie
et al (2010) [86] suggested that the rolling/sliding mechanism of the bearing surfaces can in‐
duce vibration, of an audible frequency, resulting in “squeaking”. Under lubricated condi‐
tions, Sanders et al (2012) [85] were able to reproduce the “squeak” using edge-loading
during short-term wear tests. The “squeaking” was found to occur with a high contact force
centred above or near the margin of the wear patch on a previously edge-worn femoral
head. The authors state ‘the results reveal key conditions that yield recurrent squeaking in
vitro in various scenarios without resorting to implausible dry conditions’. In support of
this, Walter et al (2011) [87] analysed 12 ceramic-on-ceramic components retrieved from
“squeaking” joints and compared these with 33 ‘silent’ ceramic-on-ceramic hip retrievals.
All 12 “squeaking” hips showed evidence of edge-loading with up to 45 times greater wear
than that reported for then the 33 ‘silent’ hips [54]. The authors suggested that although the
causes of “squeaking” are unknown, the high contact pressures experienced during edge-
loading may result in a breakdown of the fluid film lubrication leading to some asperity
contact and an increase in friction. Also, any surface damage, which may have been caused
by the edge-loading, will result in an increased roughness of the bearing surfaces thus lead‐
ing to possible destruction of the fluid film leading to asperity contact.

Although there are a few reports on poor ceramic-on-ceramic hip prosthesis performance,
the majority of authors give good and optimistic results. There have been little or no frac‐

Ceramic-On-Ceramic Joints: A Suitable Alternative Material Combination?
http://dx.doi.org/10.5772/53237

549



tures, dislocation, infection or osteolysis. Also, the few patients suffering from “squeaking”
hips have, in the majority of cases, had no need for revision surgery. These are, therefore,
excellent results, but Lee et al (2010) [44] did suggest that these small risks should be a con‐
cern to surgeons and that patients should also be made aware of these before surgery. In ad‐
dition to this, they mentioned that longer-term follow-up is needed to assess the effects of
these small risks on the prosthesis performance.

4. The younger patient

As these artificial hip joints have been found to perform well in the younger patient (45 to 55
years), some surgeons have chosen to replace the diseased joints of even younger patients
with this material combination.

A case study was reported by Capello and Feinberg (2009) [88] where ceramic-on-ceramic
joints were implanted in a 13 year-old child with bilateral end-stage arthritis of the hip. Seven
and eight years post-operatively the patient had no pain, no limp, and was able to walk long
distances. The radiographs showed no implant loosening, osteolysis or wear. This is a very en‐
couraging result, however, it was stated that the patient is still very young (20 years of age at
the time of report) and, therefore, the need for revision surgery will be more than likely.

Other studies on younger patients have not had as good results as those reported by Capello
though. Nizard et al (2008) [89] reported on ceramic-on-ceramic hips that had been implant‐
ed in a group of 101 patients (132 hips) younger than 30 years old (mean age: 23.4 years,
range: 13 – 30 years). These joints were implanted from 1977 to 2004 and, because of this,
different implant designs and modes of fixation were used. Of these 132 joints, 17 were re‐
vised for aseptic loosening leading to a survivorship of 82.1% at 10 years and 72.4% at 15
years. These survivorship rates are quite low and may create cause for concern. It was, how‐
ever, found that the higher rate of failures of joints replaced for treatment of slipped capital
epiphysis or trauma influenced the survivorships greatly. Also, these artificial hip joints
were implanted over a period of 26.5 years, during which time the ceramic materials have
been improved and the fixation methods have changed. It is hoped that ceramic of the new
generation with improved prosthesis design and mode of fixation will perform better and
provide improved longer-term results.

5. Overview

From the results reported here it is clear that ceramic-on-ceramic hip joints have good tribolog‐
ical results: low friction, good lubrication and very low wear in vitro and in vivo. In addition to
this, ceramic particles are biologically inert. Also, the fracture risk is relatively low. With good
implant positioning these joints have the potential to perform incredibly well. These bearings,
therefore, deserve to be high on the list for both primary and revision implants, especially for
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the younger, more active patient. However, for the best results, the choice of bearing combina‐
tion/design should be patient-specific; as one design does not suit all.
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