
State of the Art in Biosensors 
General Aspects

Edited by Toonika Rinken

Edited by Toonika Rinken

As biosensors comprise a prospective alternative to traditional chemical analyses, 
enabling fast on- and in-line measurements with sufficient selectivity, the field is 

expanding rapidly and is offering new ideas and developments every day. This book 
aims to cover the present state of the art in the biosensor technology and introduce 
the general aspects of biosensor- based techniques and methods. The book consists 

of 13 chapters by 44 authors and is divided into 3 sections, focused on bio-recognition 
techniques, signal transduction methods and signal analysis.

Photo by Aonip / iStock

ISBN 978-953-51-1004-0

State of the A
rt in Biosensors - G

eneral A
spects

 





STATE OF THE ART IN
BIOSENSORS - GENERAL

ASPECTS

Edited by Toonika Rinken



State of the Art in Biosensors - General Aspects
http://dx.doi.org/10.5772/45832
Edited by Toonika Rinken

Contributors

Tatiana Duque Martins, Diogo Lopes, Henrique Camargo, Antonio Carlos Chaves Ribeiro, Paulo Costa-Filho, Hannah 
Cavalcante, Zihni Onur Onur Uygun, Hilmiye Deniz Deniz Ertuğrul, shengbo sang, Wendong Zhang, Yuan Zhao, Kazuo 
Nakazato, Christopher Bystroff, BP Rao, CheolGi Kim, Antonio Arnau, María-Isabel Rocha-Gaso, Yolanda Jiménez, 
Laurent Alain Francis, Pere Miribel-Català, Jordi Colomer-Farrarons, Jaime Punter Villagrasa, Joanna Cabaj, Jesús 
Eduardo Lugo, Dominique Barchiesi, Sameh Kessentini, Shunichi Uchiyama, Toonika Rinken

© 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

State of the Art in Biosensors - General Aspects
Edited by Toonika Rinken

p. cm.

ISBN 978-953-51-1004-0

eBook (PDF) ISBN 978-953-51-4253-9



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

Toonika Rinken is a senior researcher of environmental 
chemistry at the University of Tartu, Estonia. She re-
ceived her PhD degree in chemistry in 2000 at the same 
university, for the modeling and calibration studies of 
biosensors and has passed professional self-improve-
ment in Uppsala (Sweden) and Gröningen (the Nether-
lands). Dr. Rinken leads a biosensor lab whose research 

is focused on the studies of construction and signal rising in biosensor 
based analytical systems, and the development of biosensor arrays for rap-
id monitoring of biomarkers and hazardous compounds in environment 
and food.





Contents

Preface XI

Section 1 Biorecognition Techniques    1

Chapter 1 GFP-Based Biosensors   3
Donna E. Crone, Yao-Ming Huang, Derek J. Pitman, Christian
Schenkelberg, Keith Fraser, Stephen Macari and Christopher
Bystroff

Chapter 2 Layered Biosensor Construction   37
Joanna Cabaj and Jadwiga Sołoducho

Chapter 3 Polymers for Biosensors Construction   67
Xiuyun Wang and Shunichi Uchiyama

Section 2 Signal Transduction Methods    87

Chapter 4 Review on the Design Art of Biosensors   89
Shengbo Sang, Wendong Zhang and Yuan Zhao

Chapter 5 New Insights on Optical Biosensors: Techniques, Construction
and Application   111
Tatiana Duque Martins, Antonio Carlos Chaves Ribeiro, Henrique
Santiago de Camargo, Paulo Alves da Costa Filho, Hannah Paula
Mesquita Cavalcante and Diogo Lopes Dias

Chapter 6 Porous Silicon Biosensors   141
M. B. de la Mora, M. Ocampo, R. Doti, J. E. Lugo and J. Faubert

Chapter 7 Potentiometric, Amperometric, and Impedimetric CMOS
Biosensor Array   163
Kazuo Nakazato



Chapter 8 Impedimetric Biosensors for Label-Free and Enzymless
Detection   179
Hilmiye Deniz ErtuğruL and Zihni Onur Uygun

Chapter 9 Novel Planar Hall Sensor for  Biomedical Diagnosing
Lab-on-a-Chip   197
Tran Quang Hung, Dong Young Kim, B. Parvatheeswara Rao and
CheolGi Kim

Chapter 10 Bioelectronics for Amperometric Biosensors   241
Jaime Punter Villagrasa, Jordi Colomer-Farrarons and Pere Ll.
Miribel

Section 3 Biosensor Signal Analysis    275

Chapter 11 Love Wave Biosensors: A Review   277
María Isabel Rocha Gaso, Yolanda Jiménez, Laurent A. Francis and
Antonio Arnau

Chapter 12 Nanostructured Biosensors: Influence of Adhesion Layer,
Roughness and Size on the LSPR: A Parametric Study   311
Sameh Kessentini and Dominique Barchiesi

Chapter 13 Calibrating Biosensors in Flow-Through Set-Ups: Studies with
Glucose Optrodes   331
K. Kivirand, M. Kagan and T. Rinken

X Contents



Chapter 8 Impedimetric Biosensors for Label-Free and Enzymless
Detection   179
Hilmiye Deniz ErtuğruL and Zihni Onur Uygun

Chapter 9 Novel Planar Hall Sensor for  Biomedical Diagnosing
Lab-on-a-Chip   197
Tran Quang Hung, Dong Young Kim, B. Parvatheeswara Rao and
CheolGi Kim

Chapter 10 Bioelectronics for Amperometric Biosensors   241
Jaime Punter Villagrasa, Jordi Colomer-Farrarons and Pere Ll.
Miribel

Section 3 Biosensor Signal Analysis    275

Chapter 11 Love Wave Biosensors: A Review   277
María Isabel Rocha Gaso, Yolanda Jiménez, Laurent A. Francis and
Antonio Arnau

Chapter 12 Nanostructured Biosensors: Influence of Adhesion Layer,
Roughness and Size on the LSPR: A Parametric Study   311
Sameh Kessentini and Dominique Barchiesi

Chapter 13 Calibrating Biosensors in Flow-Through Set-Ups: Studies with
Glucose Optrodes   331
K. Kivirand, M. Kagan and T. Rinken

ContentsVI

Preface

Biosensors, constituting cheap and rapid alternate to traditional analytical equipment, have
been in the focus of scientific research already for 50 years, since the initial biosensor con‐
cept was proposed in 1962 by Clark and Lyons. Throughout this half century, the number of
studies dedicated to the research and applications of biosensor – based techniques is exceed‐
ing 200,000; including those over 14,000 published in 2012.

The present book is focused on the general aspects of state of the art in biosensor technolo‐
gies. It is composed of 13 chapters written by 44 authors and is divided into three sections,
which correspond to the “three whales” of bio-sensing and match to the three parts of the
word BIO-SEN-SOR. The first section of the book is focused on the principles and techni‐
ques of bio-selective recognition of different compounds and the immobilization of bio-se‐
lective materials; the second on the transduction methods of the signals of bio-recognition
reactions and the third on the signal analysis and calibration of biosensors or how to get the
most out of collected information. Regarding the first sections as BIO and SEN accordingly,
the last section SOR could be considered as the “Smart Organization of Results”.

The division of the chapters into sections is based on the major focus of these studies and is
not limiting the topics handled – valuable results and new ideas of different aspects of bio‐
sensor technology are found in all papers. I would like to express my appreciation and grati‐
tude to all authors and the publishing company for their commitment and cooperation and
wish them success in their forthcoming activities.

Dr. Toonika Rinken,
Institute of Chemistry,

University of Tartu,
Estonia
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Chapter 1

GFP-Based Biosensors

Donna E. Crone, Yao-Ming Huang, Derek J. Pitman,
Christian Schenkelberg, Keith Fraser,
Stephen Macari and Christopher Bystroff

Additional information is available at the end of the chapter

http://dx.doi.org/10.5772/52250

1. Introduction

Green fluorescent protein (GFP) is a 27 kD protein consisting of 238 amino acid residues [1].
GFP was first identified in the aquatic jellyfish Aequorea victoria by Osamu Shimomura et al.
in 1961 while studying aequorin, a Ca2+-activated photoprotein.Aequorin and GFP are local‐
ized in the light organs of A. victoria and GFP was accidentally discovered when the energy
of the blue light emitted by aequorin excited GFP to emit green light.Unlike most fluores‐
cent proteins which contain chromophores distinct from the amino acid sequence of the pro‐
tein, the chromophore of GFP is internally generated by a reaction involving three amino
acid residues [2]. This unique property allows GFP to be easily cloned into numerous bio‐
logical systems, both prokaryotic and eukaryotic, which has paved the way for its utilisation
in a variety of biological applications, most notably in biosensing.

1.1. The three dimensional structure

The molecular structure of GFP was first determined in 1996 using X-ray crystallography
[1].One of the most obvious features of its tertiary structure is a beta-barrel composed of 11
mostly-antiparallel beta strands. The molecular structure of GFP is illustrated in Figure 1
along with a cartoon representation showing the organization of the secondary structure ele‐
ments that compose the beta barrel.Each beta strand is 9 to 13 residues in length and hydro‐
gen bonds with adjacent beta strands to create an enclosed structure.The bottom of the
barrel contains both termini and two distorted helical crossover segments, and the top has
one short crossover and one distorted helical crossover segment.The beta-barrel (sometimes
referred to as a “beta can” because it contains a central alpha-helical segment) consists of
three anti-parallel three-stranded beta-meander units and a two-stranded beta-hairpin

© 2013 Crone 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 Crone et al.; licensee InTech. This is a paper 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.



(shown in blue, green, and yellow, and red in Figure 1 respectively).The very distorted cen‐
tral alpha helix contains three residues which participate in an auto-catalyzed cyclization/
oxidation chromophore maturation reaction which generates the p-hydroxybenzylidene-imi‐
dazolidone chromophore.In the unfolded state, the chromophore is non-fluorescent, pre‐
sumably because water molecules and molecular oxygen can interact with and quench the
fluorescent signal [3].Therefore, the closed beta barrel structure is essential for fluorescence
by shielding the chromophore from bulk solvent.

Figure 1. Tertiary structure of GFP as determined by x-ray crystallography (PDB code 2B3P).Shown on the bottom is a
cartoon depicting the secondary structure elements, all anti-parallel beta strand pairings except β1 to β6, which is par‐
allel. Numbers indicate the start and end of each secondary structure element.

The interior of the GFP beta barrel is unusually polar.There is an interior cavity filled with
four water molecules on one side of the central helix, while the other side contains a cluster
of hydrophobic side chains which is more typical of a protein core.Several polar side chains
interact with and stabilize the GFP chromophore.Three of these, His148, Thr203, and Ser205,
form hydrogen bonds with the phenolic hydroxyl group of the chromophore.Arg96 and
Gln94 interact with the carbonyl group of the imidazolidone ring. Figure 2 depicts these sta‐
bilizing hydrogen bonding interactions with the chromophore.Additionally, a number of in‐
ternal residues interact with and stabilize Arg96, a side chain that is known to be required
for the maturation of the chromophore.Specifically, Thr62 and Gln183 form hydrogen bonds
with the protonated form of Arg96 stabilizing a buried positive charge within the GFP beta
barrel, which in turn stabilizes a partial negative charge on the carbonyl oxygen of the imi‐
dazolidone ring.

1.2. Thermodynamic and kinetic properties

Wild type GFP has a number of interesting characteristics that can potentially complicate its
applicability to biosensing.One is its tendency to aggregate in the cell, especially when ex‐
pressed in high concentrations. Aggregation is typically caused by exposed hydrophobicity,
which may be due to either the presence of hydrophobic patches on the surface of the protein,
or to low thermostability, or to slow folding.Surface hydrophobic-to-hydrophilic mutations
decrease the aggregation tendency of GFP [4], but some biosensing applications require sur‐
face mutations that may increase aggregation. Most likely, GFP’s low in vivo solubility is due
to its extremely slow folding and unfolding kinetics.Refolding of GFP consists of at least two
observable phases, depending on the variant and the method being used to measure the kinet‐
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ics.Multi-phase folding kinetics indicates the existence of multiple parallel folding pathways,
some fast and some slow, holding out the hope that engineered GFPs could be made to fold
faster by favoring the faster folding pathway. Indeed, GFP has been engineered to eliminate
the slowest phase of folding, as discussed later in this chapter. For Cycle3, a mutant whose
chromophore matures correctly at 37°C, the kinetic phases range from 10 s-1 to 10-2 s-1 [5] (half-
lives of folding ranging from 0.1 s to 100 s). Although it folds slowly, GFP unfolds extremely
slowly, with a rate of 10-6 s-1 (t1/2=8 days) in 3.0M GndHCl [6], such that when extrapolated to
0M GndHCl, the theoretical unfolding half-life in on the order of t1/2= 22 years.GFP is phenom‐
enally kinetically stable once it is folded to its native state.

Figure 2. Stereo image of the hydrogen bonding patterns of the internal GFP residues with the chromophore (green),
including four crystallographic waters (cyan). Drawn from superfolder GFP, PDB ID 2B3P.

1.3. Maturation of the chromophore

The chromophore of the native GFP structure is generated by an internal, autocatalytic reac‐
tion involving three residues on the interior alpha helix.Cyclization and oxidation of inter‐
nal residues of Ser65, Tyr66, and Gly67, generate a p-hydroxybenzylidene-imidazolidone
chromophore that maximally absorbs light at 395 nm and 475 nm [1].Excitation at either ab‐
sorption peak results in emission of green light at 508 nm.Interestingly, the sidechains of the
chromophore triplet65-SerTyrGly-67 can be mutated to other sidechains without loss of
function. Tyrosine 66 can be mutated to any aromatic sidechain [7].This allows for the syn‐
thesis of numerous variants of GFP that alter the chromophore structure or its surrounding
environment to absorb and emit light at different wavelengths, producing a wide array of
fluorescent protein colors [8].

The three-step mechanism for the spontaneous generation of the chromophore consists of
cyclization, oxidation, and dehydration [9]. Figure 3 illustrates the mechanism, beginning
with the original triplet of amino acids. The slow step in chromophore maturation is the dif‐
fusion of molecular oxygen into the active site of the closed beta barrel (step 3). The posi‐

GFP-Based Biosensors
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tioning of side chains surrounding the chromophore is crucial for stabilizing the
intermediates in the process of chromophore maturation,especially Arg96, which stabilizes
the enolate form of intermediate 1 by forming a salt bridge with the negatively-charged oxy‐
gen atom, and Glu222, which receives protons from the water molecules to cycle between
the protonated and deprotonated states.The two coplanar aromatic rings of the chromo‐
phore adopt the cis conformation across the Tyr66 alpha-beta carbon double bond.Photo‐
bleaching, the light-induced loss of fluorescence, is caused by short wavelength light that
causes the chromophore to isomerize to the trans form, accompanied by distortion of its pla‐
nar geometry and surrounding side chain packing [10].This type of photobleaching appears
to be a slowly reversible process for GFP and other fluorescent proteins.

Figure 3. Mechanism of the maturation of the GFP chromophore. Steps 1-6 include the cyclization and deoxidation
steps while step 7 indicates two possible pathways for the dehydration step. Used with permission from [9]

The two spectral absorbances of the GFP chromophore have been found to be highly sensi‐
tive to pH changes [11].At physiological pH, GFP exhibits maximal absorption at 395 nm
while absorbing lesser amounts of light at 475 nm.However, increasing the pH to about 12.0
causes the maximal absorption of light to occur around 475 nm while diminishing the ab‐
sorption at 395 nm.The two absorption maxima correspond to different protonated states of
the chromophore.The pKa for the side chain hydroxyl group of Tyr66 is about 8.1 [12] and
therefore, the maximal absorbance for the neutral chromophore occurs at 395 nm while max‐
imal absorbance occurs at 470 nm for the anionic form of the chromophore.At acidic pHs
lower than 6 or alkaline pHs above 12, fluorescence is diminished as GFP is denatured and
the chromophore is quenched.

1.4. Wavelength variants and FRET

Starting with homologous green and red fluorescent proteins, a rainbow of different-colored
fluorescent proteins have been developed. Mutating Tyr66 of the GFP chromophore to a
tryptophan produces cyan fluorescence, while a histidine mutation produces blue fluores‐
cence. Mutating a threonine on beta strand 10 to a tyrosine introduces a pi-stacking interac‐
tion which produces yellow fluorescence. See [3] for more details. At the other end of the
color spectrum, the coral-derived DsRed fluorescent protein, a structural homolog of GFP,
was diversified into the mFruits library, producing eight fluorescent proteins with emission
maxima ranging from 537 to 610 nm [13]. Far-red fluorescent proteins, which have potential
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for use in deep tissue imaging due to the penetration of these wavelengths, have been dis‐
covered [14-16], while others have been developed in the lab [17] and even using computa‐
tional approaches [18]. Further enhancement of these wavelength-shifted variants has
improved their biophysical properties and made them available to more applications.

GFP and its derivatives have seen significant use as fluorescent pairs for Förster Resonance
Energy Transfer (FRET) experiments. FRET emission arises when the emission spectrum of
one chromophore overlaps with the excitation spectrum of another chromophore. If the two
chromophores are physically close (on the order of a few nanometers) and in the correct ori‐
entation, then excitation of the first chromophore will excite the second chromophore
through non-radiative energy transfer and produce fluorescence at the second chromo‐
phore's emission wavelength (Figure4). This phenomenon can be used to detect when two
fluorescent proteins (FPs) are within a certain distance, which may be induced by a ligand-
dependent conformational change in a linking domain between the two fluorescent pro‐
teins, or by binding of interacting domains fused to fluorescent proteins. The canonical
pairing for FRET using fluorescent proteins is cyan fluorescent protein (CFP) and yellow flu‐
orescent protein (YFP) [19]; but this pairing has issues concerning overlapping emission
spectra, stability to photobleaching, and sensitivity to the chemical environment. The study
in [20] had the goal of producing a cyan fluorescent protein more suitable for use in FRET
experiments. Other pairings, such as GFP and the the DsRed-based variant mCherry red flu‐
orescent protein, have been proposed as consistent, reliable alternatives [21]. A full review
of the development and usage of fluorescent proteins as tools for FRET can be found in [22].
The genetic and physical ease of use of GFP-derived fluorescent proteins, in conjunction
with their wide range of colors and spectral overlaps, makes them ideal molecules for the
design of FRET-based biosensors.

Figure 4. Illustration of the FRET phenomenon using the traditional CFP/YFP donor/acceptor pairing. a) If the two flu‐
orescent moieties are too far apart, excitation of the donor molecule only produces observable emission from the do‐
nor. b) When in range, excitation of the donor is propagated to the acceptor molecule through non-radiative photon
transfer, and emission from the acceptor is observed.
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1.5. Mutants with improved features

Because of the aforementioned slow folding, low solubility and slow chromophore matura‐
tion, a significant effort has been put forth to improve these properties in GFP. These strat‐
egies range from specific, directed rational mutations based on structural and biophysical
information to fully randomized approaches such as error-prone PCR [23] and DNA shuf‐
fling [24]. By mutating the chromophore residue serine 65 to a threonine (S65T) and phenyl‐
alanine 64 to a leucine (F64L), an “enhanced” GFP (EGFP, gi:27372525) was produced with
the excitation maximum shifted from ultraviolet to blue and with better folding efficiency in
E. coli[25]. Blue excitation is favorable because it matches up with the wavelengths of laser
light used in modern cell sorting machines. Three rounds of DNA shuffling produced a mu‐
tant of GFP termed “cycle3” or GFPuv (gi:1490533) which contains three point mutations at
or near the surface of the protein (F100S, M154T, V164A). This mutant has 16- to 18-fold
brighter fluorescence than wild type GFP, attributed to a reduction of surface hydrophobici‐
ty and, subsequently, aggregation in vivo which prevents chromophore maturation [6].
Combining these sets of mutations produces a “folding reporter” GFP (gi: 83754214) which
is monomeric and highly fluorescent [26], but does not fold and fluoresce strongly when
fused to other poorly folded proteins. Four rounds of DNA shuffling starting with this GFP
variant produced a mutant with six additional mutations, called “superfolder” GFP (gi:
391871871), which can fold even when fused to a poorly folding protein [27]. Superfolder
GFP also showed increased resistance to chemical denaturation and faster refolding kinetics.
This GFP variant also has exceptional tolerance to circular permutation compared to the
“folding reporter” mutant of GFP (circular permutation will be discussed in Sequential rear‐
rangements and truncations). A common theme emerges from these sets of mutations: a re‐
duction in surface hydrophobicity leads to reduced aggregation tendency, which increases
the fraction of chromophore able to mature and, consequently, the brightness of the protein
in vivo.The hydrophobicity of the wild type GFP is hypothesized to serve as a binding site
to aequorin in jellyfish [4].

Mutating surface polar residues to increase the net charge, called “supercharging”, may be
one solution to the problem of aggregation. Armed with the knowledge that the net surface
charge does not often affect protein folding or activity, [28] demonstrated that mutating the
surface residues either to majority positive or to majority negative side chains does not sig‐
nificantly affect fluorescence. Furthermore, these “supercharged” variants of GFP showed
increased resistance to both thermally and chemically-induced aggregation with a minimal
decrease in thermal stability. The only side effects are the unwanted binding of positively
supercharged GFP to DNA, and the formation of a fluorescent precipitate when oppositely
supercharged variants are mixed.

Disulfide bonds have been known to confer additional stability to proteins. Two externally-
placed disulfides were engineered into cycle3 GFP,one predicted to have no effect on stabili‐
ty, the other predicted to have a stabilizing effect [29]. The predictions, based on estimations
of local disorder, were correct. Adding a disulfide where the chain is more disordered im‐
proved stability the most.

State of the Art in Biosensors - General Aspects8
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GFP also showed increased resistance to chemical denaturation and faster refolding kinetics.
This GFP variant also has exceptional tolerance to circular permutation compared to the
“folding reporter” mutant of GFP (circular permutation will be discussed in Sequential rear‐
rangements and truncations). A common theme emerges from these sets of mutations: a re‐
duction in surface hydrophobicity leads to reduced aggregation tendency, which increases
the fraction of chromophore able to mature and, consequently, the brightness of the protein
in vivo.The hydrophobicity of the wild type GFP is hypothesized to serve as a binding site
to aequorin in jellyfish [4].

Mutating surface polar residues to increase the net charge, called “supercharging”, may be
one solution to the problem of aggregation. Armed with the knowledge that the net surface
charge does not often affect protein folding or activity, [28] demonstrated that mutating the
surface residues either to majority positive or to majority negative side chains does not sig‐
nificantly affect fluorescence. Furthermore, these “supercharged” variants of GFP showed
increased resistance to both thermally and chemically-induced aggregation with a minimal
decrease in thermal stability. The only side effects are the unwanted binding of positively
supercharged GFP to DNA, and the formation of a fluorescent precipitate when oppositely
supercharged variants are mixed.

Disulfide bonds have been known to confer additional stability to proteins. Two externally-
placed disulfides were engineered into cycle3 GFP,one predicted to have no effect on stabili‐
ty, the other predicted to have a stabilizing effect [29]. The predictions, based on estimations
of local disorder, were correct. Adding a disulfide where the chain is more disordered im‐
proved stability the most.
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In recent, unpublished work in our lab [30], a faster-folding GFP has been made by eliminat‐
ing a conserved cis-peptide bond. The slowest phase of folding of superfolder GFP has been
known to be related to cis/trans isomerization of a peptide bond preceding a proline [5]. We
targeted Pro89 for mutation, since the peptide bond is cis at that position in the crystal struc‐
ture, but modeling studies suggested that a simple point mutation would not have worked.
Instead, we added two residues creating a longer loop, and then selected new side chains for
four residues based on modeling. The new variant, called “all-trans” or AT-GFP, folds fast‐
er, lacking the slow phase. A 2.7Å crystal structure, in progress, shows clearly that the back‐
bone is indeed composed of all trans peptide bonds in the new loop region.

All of the variants discussed so far are derived from Aequorea GFP, but homologous fluores‐
cent proteins from other species have also played a role in advancing the science. Rational
design of a homologous GFP from the marine arthropod Pontellina plumata resulted in “Tur‐
boGFP” which folds and matures much faster than EGFP with reduced in vitro aggregation
relative to its parent protein [31]. TurboGFP and its parent protein lack cis-peptide bonds,
known to contribute to the slow phase of GFP folding [5]. The crystal structure of TurboGFP
reveals a pore to the chromophore, which mutagenesis shows to be a key component to fast
maturation [31]. This makes sense, since the diffusion of molecular oxygen into the core is
the rate limiting step in chromophore formation.This result represents the first successful
designed improvements to a non-Cnidarian fluorescent protein. Random directed mutagen‐
esis of beta strands 7 and 8 in the cyan fluorescent protein derivative mCerulean produced a
mutant with six mutations and a T65S reversion mutation in the chromophore. This con‐
struct, termed mCerulean3, has an increased quantum yield and demonstrates minimal pho‐
tobleaching and photoswitching effects, making it a better FRET donor molecule [20].

A novel fluorescent protein was developed using the consensus engineering approach, syn‐
thesizing a consensus sequence gene from 31 homologs of the monomeric Azami green pro‐
tein, a distant homolog of Aequorea GFP. The resulting protein CGP (consensus green
protein) has comparable expression to the parent protein with increased brightness and
slightly decreased stability [32]. A novel directed evolution process was then carried out on
CGP to stabilize it by inserting destabilizing loops into the protein, then evolving it to toler‐
ate the insertions, then removing the destabilizing loops. After three rounds of this process,
a mutant called eCGP123 demonstrated exceptional thermal stability compared to CGP and
the parent Azami green protein [33]. Distantly-related fluorescent proteins have contributed
much to the structural and biophysical understanding and application of the larger family.

1.6. Sequential rearrangements and truncations

Circular permutation is the repositioning of the N and C-termini of the protein to different
regions of the sequence, connecting the original termini with a flexible peptide linker to pro‐
duce a continuous, shuffled polypeptide. Many proteins retain their structure and function
after permutation, provided the permutation site is not disruptive to secondary structural
elements. This process demonstrates the tolerance of the protein's overall structure to signif‐
icant rearrangements of primary sequence [34], enabling the design of biosensors based on
split GFPs as discussed later.
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GFP's rigid structure, extreme stability and unique post-translational chromophore forma‐
tion reaction do not seem to suggest that it would tolerate circular permutation, and for the
most part, it does not. All permutations that disrupt beta strands do not form the chromo‐
phore, and about half of the permutations in loop regions cannot form the chromophore.
However, one particular permutation, starting the protein at position 145 (just before beta
strand 7) expresses and fluoresces well, although it is less stable and less bright than the
wild type GFP [34]. This circular permutation can also tolerate protein fusions to its new ter‐
mini (positions 145 and 144 in wild type numbering), and position 145 in the wild type can
accept a full protein insertion, such as calmodulin or a zinc finger binding domain [35]. The
“superfolder” GFP reported in [27] was able to fluoresce after 13 of the 14 possible circular
permutations, whereas the folding-reporter GFP only tolerated 3 of those 14 permuta‐
tions.Figure 5summarizes permutation and loop insertion results.

Figure 5. a) The wild type GFP, and (b) rewired GFP topology as drawn using the TOPS conventions [37]. Solid lines are
connections at the top, dashed lines at the bottom of the barrel. (c) Green dots mark locations of the termini in viable
circular permutants. Orange dots mark places where long insertions have been made [38] Green arrows mark beta
strands that can be left out and added back to reconstitute fluorescence. Red lines are connections created in rGFP3,
rewired GFP [36]. Topological changes and truncations are the least tolerated in the N-terminal 6 beta strands.

Circular rearrangements preserve the overall “ordering” of the secondary structural ele‐
ments; however, non-circular rearrangement of the secondary structural elements is also
possible. Using rational computational modeling and knowledge about GFP's folding path‐
way, [36] designed a “rewired” GFP with identical fluorescence properties and stability as a
variant of superfolder GFP, but with the beta strands connected in a different order. These
experiments demonstrate the selective robustness of GFP's structure to large-scale rear‐
rangements in sequence, which has implications for deciphering the GFP folding pathway,
as well as for design of split-GFP biosensors.
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1.7. “Leave-One-Out” GFP

GFP can also be engineered to omit one of its secondary structural elements, either at one
end or in the middle of the sequence by truncating a circular permutant. Truncation may be
accomplished either at the genetic level or at the protein level, the latter by using proteolysis
and gel filtration. Constructs missing one secondary structure element have been named
“Leave-One-Out” or LOO, borrowing the term from a method for statistical cross-valida‐
tion. When synthesized directly via the genetic approach, LOO-GFPs are non-fluorescent or
weakly fluorescent. However, if co-expressed with the omitted piece, fluorescence some‐
times develops in vivo, depending on which of the secondary structure elements was left out
[39,40]. Expressing the full-length GFP and removing the beta strand by proteolysis, denatu‐
ration and gel filtration produces similar results [41]. A complete beta barrel is necessary for
chromophore maturation. Once the chromophore has matured, LOO-GFP develops fluores‐
cence rapidly upon introduction of the omitted beta strand from an external source.

That Leave-One-Out works is non-intuitive. In general, protein folding is an all-or-none
process and leaving out any whole secondary structure element leads to an unfolded pro‐
tein which aggregates in the cell. Yet, [40] has shown that it is possible to reconstitute LOO-
GFP after truncation at several positions in the sequence. The key to understanding why
LOO is sometimes possible is in the protein folding pathway. Although folding appears to
be an all-or-none process by most experimental metrics, it proceeds along a loosely defined
sequence of nucleation and condensation events called a folding pathway [42]. If the se‐
quence segment that is removed is in the part of the protein that folds last, then a kinetic
intermediate exists whose structure closely resembles the native state with one piece re‐
moved. This intermediate need not be the lowest energy state and may not be visible by
equilibrium measurements, but its minute presence diminishes the energetic barrier of fold‐
ing enough that the addition of a peptide can push the protein to the folded state. In short,
Leave-One-Out uses the idea that some cyclically permuted, truncated proteins are natural
sensors of the part left out.

In vivo solubility experiments performed on twelve LOO-GFPs (individually omitting each
of 11 beta strands and the alpha helix) showed that there are significant differences in toler‐
ance to the removal of particular secondary structural elements (SSE) as a function of solu‐
bility. The variability is best explained in terms of the order of folding of the SSEs. SSEs that
are required for the early steps in folding leave a more completely unfolded polypeptide be‐
hind when they are left out. SSEs that fold late and not required for most of the folding path‐
way, leaving behind a mostly-folded protein which is more soluble. Leave-One-Out
solubility analysis provides a unique insight into the folding pathway of GFP [40]. Omitting
strand 7 (LOO7-GFP) appears to be the least detrimental to the overall structure of GFP,
suggesting that strand 7 folds last. Binding kinetics data for LOO7-GFP to its missing beta
strand as a synthetic peptide gives a Kd value of roughly 0.5 M [11]. Surprisingly, when it
is omitted by circular permutation and proteolysis, the central alpha helix can be reintro‐
duced as a synthetic peptide to the “hollow” GFP barrel and chromophore maturation pro‐
ceeds and produces fluorescence [41].However, refolding from the denatured state was
required.
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Some LOO-GFPs also show interesting reactions to ambient light. LOO11-GFP (beta strand
11 omitted) does not bind strand 11 when kept completely in the dark, but does bind it upon
irradiation with light [43]. Raman spectroscopy showed that, in the dark, the chromophore
assumes a trans conformation, and that light induces a switch to the native cis conformation.
After irradiation, the chromophore relaxes back to the trans conformation. Following up on
this result, [44] showed that using a circularly permuted LOO10-GFP construct (beta strand
10 omitted) and introducing two synthetic forms of strand 10, the wild-type strand and a
strand with a mutation to cause yellow-shifted fluorescence, light irradiation increased the
frequency of “peptide exchange” between the two strand 10 forms. The presence of this pep‐
tide exchange suggests that the cis/trans isomerization of the chromophore requires partial
unfolding of the protein.

2. GFP-based biomarkers

The term biomarker has accumulated a variety of definitions over the years. Herein, bio‐
markers are defined as genetically encoded molecular indicators of state that are linked to
specific genes.The utility of GFP as a biomarker was first demonstrated using GFP reporter
constructs [45]. When GFP is used as a transcription reporter, a cellular promoter drives ex‐
pression of the fluorescent protein resulting in fluorescent signal that temporally and locally
reflects expression from the promoter in vivo. In the initial experiments, GFP cDNA [46] was
expressed from the T7 promoter in E. coli or from the mec-7 (beta tubulin) promoter in C.
elegans [45].E. coli cells fluoresced and the expression in C. elegans mirrored the pattern
known from antibody detection of the native protein.Subsequently, GFP transcriptional re‐
porters have been used in a wide variety of organisms; GFP expression has minimal effect
on the cells and can be monitored noninvasively using techniques such as fluorescence mi‐
croscopy and fluorescence assisted cell sorting (reviewed in [47]).

GFP fusion proteins (generated by combining the fluorescent protein coding region with the
coding region of the cellular protein) are used as markers for visualization of intracellular
protein tracking and interactions (reviewed in [47-49]).The GFP moiety may be N-terminal,
C-terminal or even internal to the cellular protein.The availability of a color palette of fluo‐
rescent proteins allows multicolor imaging of distinct fluorescent protein fusions in the cel‐
lular environment. GFP fusion proteins are a major component of the molecular toolkit in
cell biology.

2.1. Using GFP as an in vivo solubility marker

GFP has been used as a genetically encoded reporter for folding of expressed proteins.Ex‐
pression of recombinant proteins in E.coli is a powerful tool for obtaining large quantities of
purified protein; however, some overexpressed recombinant proteins improperly fold and
aggregate. Manipulation of conditions to generate soluble protein can be a laborious proc‐
ess. Directed evolution can be employed to increase the solubility of the recombinant pro‐
teins, but detection of specific mutants with improved solubility is a challenge.However,
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GFP biomarking can be utilized to address this challenge.Since GFP chromophore formation
requires proper protein folding and GFP folds poorly when fused to misfolded proteins, flu‐
orescence of a GFP fusion protein can serve as an internal signal of a specific soluble (not
aggregated) protein [26]. When used as a folding reporter, GFP is fused C-terminally to the
protein of interest using a short linker between the two protein domains.Detection of fluo‐
rescence indicates that GFP domain is properly folded and that the protein of interest there‐
fore must be soluble.If the protein of interest misfolds and aggregates, the fused slow-
folding GFP aggregates along with it and fluorescence is not detected. Therefore, this
folding reporter assay can be used as a screening tool for soluble recombinant proteins in
the context of directed evolution.

Split GFP may also be used to assay folding and solubility of a protein of interest in vivo by
“tagging” the recombinant protein with the smaller portion of the split GFP sequence, and
expressing the larger portion separately or adding it exogenously. The small size of a pro‐
tein tag makes it less likely to interfere with the folding and function of the protein of inter‐
est.In the split GFP complementation assay a large fragment of GFP folding reporter
(GFP1-10 ) is coexpressed with tagged GFP protein (GFP11-protein x) [50]. As shown in Fig‐
ure 6, neither GFP1-10 nor the GFP11-tagged protein fluoresce alone; however, if both com‐
ponents are soluble,GFP1-10 and the GFP11-tagged protein reconstitute the native structure
and fluorescence.For successful implementation of the assay, directed evolution of super‐
folder GFP1-10 was required. This resulted in GFP1-10 OPT which has an 80% increased sol‐
ubility over the corresponding superfolder GFP1-10.GFP OPT contains 7 new mutations
(N39I, T105K, E111V, I128T, K166T, I167V and S205T) in addition to the superfolder muta‐
tions [50].Directed evolution of GFP11 resulted in GFP11 optima tag that had the dual prop‐
erties of 1) complementation with GFP1-10 OPT and 2) minimized perturbation of the
protein of interest. Note that full-length GFP OPT was subsequently found to be more toler‐
ant of circular permutation and truncation than superfolder GFP [40].

Figure 6. Mechanism of LOO11-GFP (GFP1-10) as an in vivo solubility indicator for proteins tagged with strand 11
(GFP11). Modified with permission from [50].
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In addition to providing a less laborious method for detecting protein variants and reaction
conditions for generating soluble recombinant protein, the split GFP complementation assay
also serves as an assay of aggregation in living cells. For example, aggregates of the microtu‐
bule associated protein tau are found in neurofibrillary tangles but their role in the patholo‐
gy of Alzheimer disease and Parkinson disease is not clear [51].The split GFP
complementation assay enables monitoring of the aggregation process in living mammalian
cells [52,53] and was validated using GFP1-10 and GFP11-tau variants.Cells containing soluble
tagged protein show visible fluorescence but aggregates have little or no fluorescence. Pro‐
tein aggregates of GFP11-tau sequestered the GFP11 tag, leading to decreased complementa‐
tion of GFP1-10 and decreased fluorescence. Thus the split GFP complementation assay using
tagged-GFP tau showed that it could be used as an in vivo model for studying factors that
influence aggregation.

2.2. GFP biomarkers for single molecule imaging

It is also possible to utilize GFP biomarkers for single-molecule localization, a form of super-
resolution microscopy. High affinity single chain camelid antibodies (nanobodies) to GFP
can be used to deliver organic fluorophores to GFP tagged proteins that are in turn used in
single molecule “nanoscopy.” [54, 55]. This novel approach combines the molecular specific‐
ity of genetic tagging with the high photon yield of the organic dyes. Additionally, by vary‐
ing the buffer conditions used, many organic dyes can become photoswitchable. The small
size of camelid antibodies and their high affinity allow for access to regions that are general‐
ly inaccessible to conventional antibodies and targets that are expressed at very low levels
[56].

One should caution that the overexpression of FRET biomarkers in transgenic animals car‐
ries some concerns that this could lead to the perturbation of endogenous signaling path‐
ways and even retardation of animal development [57]. Additionally, in compact tissue,
such as the brain tissue, cell type identification is particularly tedious due the diffused ex‐
pression of the biomarkers.

3. GFP biosensors

Biosensors are distinct from biomarkers in that they are not linked to the expression of a
specific gene product. Biosensors may function in vivo or in vitro. GFP variants that exhibit
analyte-sensitive properties are genetically encoded biosensors, acting in vivo.GFP biosen‐
sors that contain amino acid substitutions that enable detection of pH changes, specific ions
(Cl-or Ca2+), reactive oxygen species, redox state, and specific peptides have been reported
[39, 58-60]. In addition, modifications have been reported that enable selective activation (ir‐
reversible or reversible) of the fluorescence [61,62].Genetically encoded GFP biosensors may
be single GFP domains or FRET pairs.In the following subsections we describe selected ex‐
amples of GFP-based biosensors used in vivo or in vitro, with special emphasis on computa‐
tionally designed biosensors.
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3.1. In vivo pH biosensors

Within the cell, pH varies from the neutral pH of the cytosol to the acidic pH of the lyso‐
some lumen and protons may serve as cellular signals.Genetically encoded pH biosensors
enable subcellular detection of pH and can provide insight into the regulation of cellular ac‐
tivities by pH. Addition of intracellular targeting tag directs the pH biosensor to particular
subcellular compartments.

Many GFP variants show sensitivity to pH which results from protonation and deprotona‐
tion of the chromophore (see Maturation of the GFP Chromophore)(reviewed in [58]). The
rapid and reversible response of EGFP to pH changes in the cells enabled EGFP to be used
as an intracellular pH indicator [63] in place of chemical pH indicators such as fluorescein.A
range of GFP based pH biosensors have been generated from modification of wtGFP and
EGFP which resulted from amino acid substitutions primarily in and around the region of
the chromophore.

Two classes of GFP pH indicators have been described: ratiometric and nonratiometric [58,
64].In the ratiometric pH indicators, the chromophore environment is such that the GFP bio‐
sensor has two sets of excitation/ emission spectra, one that varies with pH and another that
does not.For these GFP variants, a calibration curve can be generated for the ratio of the
spectra versus the pH.Nonratiometric GFP variants,such as EGFP [63] or ecliptic GFP [64],
have pH dependent emission from the anionic chromophore (deprotonated) but almost no
fluorescence of the neutral chromophore (protonated). These variants are used for reporting
pH changes within cells when used as single molecule pH sensor or used in tandem with
pH insensitive fluorescent partner (described below).

Ratiometric GFP pH biosensors have been generated by modification of a few key amino
acids in the vicinity of the chromophore.Ratiometric pHluorin (RaGFP), the first ratiometric
GFP described,contains a key S202H mutation and shows pH dependent change in excita‐
tion ratio between pH 5.5 and pH 7.5 [64].TheS202H mutation was shown to be important
for the ratiometric property; pHlourins lacking the S202H were non ratiometric.Another
class of GFP ratiometric pH sensors, deGFPs were generated from mutagenesis of the S65T
GFP variant [65] resulting in substitutions H148G (deGFP1) or H148C (deGFP4) and
T203C.The deGFPs are dual emission ratiometric GFPs emitting both blue and green light;
blue light emission decreases with increase pH while green light emission increases with in‐
creased pH.

Variants pH GFP (H148D) [66] and E2GFP (F64L/S65T/T203Y/L231H)[67] function as dual
excitation ratiometric pH indicators with pH-dependent excitation at 488 nm and relatively
pH-independent excitation at458 nm).In addition to its pH sensing properties, fluorescence
emission from E2GFP is affected by the concentration of certain ions, including Cl-. The
chloride ion sensitivity of E2GFP is a key component of the GFP–based chloride ion and pH
sensor ClopHensor [68] (discussed in section Fluorescent proteins as intrinsic ion sensors).

In addition to single molecule based pH biosensors, ratiometric pH biosensors using tandem
fluorescent protein variants have been constructed in which a pH sensitive GFP variant is
linked to a less sensitive or pH insensitive GFP.GFpH and YFpH are tandem FRET pairsfor
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the detection of pH changes in the cytosol and nucleus of living cells. GFpH combines
GFPuv, which has low pH sensitivity, with pH sensitive EGFP and YFpH combines GFPuv
and EYFP [58, 69].Not all tandem GFP biosensors are FRET pairs, however. pHusion is a ra‐
tiometric tandem GFP biosensor in whichmRFP (pH insensitive) is tethered to EGFP (pH
sensitive) via a linker.pH measurements are determined from the ratio of EGFP to mRFP flu‐
orescence. pHusion biosensor was developed for analysis of intracellular and extracellular
pH in developing plants [60].

3.2. In vivoFRET-based biosensors

Genetically-encoded FRET-based biosensors can be applied in a variety of capacities to visu‐
alize intracellular spatiotemporal changes in real time. The evolution of these applications
has progressed from cell culture systems that transiently express FRET biosensors to trans‐
genic mouse models that express them in a heritable manner [57]. Production of transgenic
mice with FRET biosensors arose in an effort to enhance our understanding of the differen‐
ces that exist between tissue culture and living systems. Transgenic FRET GFP biosensor
systems are very efficient and their fluorescence signals are easily distinguished from auto‐
fluorescence, which is analyte-independent fluorescence. The sensors themselves can be
used to probe a variety of pathways for the activity of signaling enzymes as well as a num‐
ber of post translational modifications.

3.2.1. Detection of enzyme activity

In transgenic animal models, FRET biosensors can be used to study PKA activation by
cAMP, ERK activation by TPA and their association with various physiological changes [57].
PKA and ERK areenzymes that transfer the γ-phosphate of ATP to a number of protein sub‐
strates thereby affecting a conformational change. Kinase induced conformational changes
are important because they are involved in the control a number of critical cellular processes
that include glycogen synthesis, hormonal response, and ion transport [70]. A number of
signaling cascades that involve kinases require a means of dynamic control and spatial com‐
partmentalization of the kinase activity; a requirement highlights the need for a mechanism
to continuously track kinase activity in different compartments and signaling microdomains
in vivo.

Traditional methods of assaying kinase activity fail to capture its dynamicity; a void that is
filled by genetically encoded FRET-based biosensors. These sensors are constructed so that
the substrate protein of the kinase of interest is flanked with a fluorescent protein pair in
such a way that the conformational change imparted by phosphorylation translates into a
change in the FRET signal (Figure7) [70]. These biosensors can be localized to particular sites
of interest with the aid of appropriate targeting signal sequences, allowing the imaging of
site-specific kinase activity.G-protein coupled receptors, when used in a biosensor, provide
a mechanism for transducingdrug mediated effects on PKA activity into a light signal.
Transgenic mice expressing FRET based biosensors provide an ideal system for studying the
pharmacodynamics of these drugs.
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Figure 7. Representation of the mode of action of an intramolecular FRET biosensor containing a molecular switch.
The sensor domain and ligand domain of the construct are connected by a flexible linker with CFP and YFP serving as
the donor and acceptor for the FRET pair. This switch can perceive various molecular events, such as protein phosphor‐
ylation, through binding to the ligand domain. This in turn induces an interaction between the ligand and sensor do‐
mains that facilitates a global change in the conformation of the biosensor, which serves to increase the FRET
efficiency from the donor to the acceptor (CFP to YFP in this case) [71].

When used to study the signaling events in wound healing, the strength and duration of the
fluorescent signals that are generated by these biosensors are dependent on the location
within the tissue (tissue depth has a negative impact on the intensity of the fluorescent sig‐
nal), its vicinity in relation to the site of injury, as well as the contributions made by chemi‐
cal mediators (drugs) in sustaining kinase activity [57]. These model systems provide a
means of visualizing in real-time the agonist/antagonist pharmacodynamics associated with
a plethora of signaling molecules that do not necessarily have to be limited to PKA and ERK
activity. They also provide a tool for resolving the maze of upstream signaling pathways
that contribute to chemotaxis in the animals.

Genetically encodable FRET GFP biosensors have proven to be useful in characterizing the
dynamic phosphorylation dependent regulation of small GTPases [70]. Ras GTPases play es‐
sential roles in regulating cell growth, cell differentiation, cell migration, and lipid vesicle
trafficking. Upon binding GFP, the G-protein Ras recruits the serine/threonine kinase Raf.
FRET biosensors for GTPase activity such as Raichu-Ras (Ras and Interacting protein CHi‐
meric Unit for RAS) use this Ras-Raf interaction as the basis for the molecular switch. Rai‐
chu-Ras functions by using H-Ras as the sensor domain and the Ras Binding Domain (RBD)
of Raf as the ligand domain in constructing a molecular switch that in turn is sandwiched by
the FRET pair CFP/YFP (Figure 7). Such a design allows for the monitoring of Ras activation
in living cells on the basis of fluctuations in the FRET signals generated.

3.2.2. Detection of antioxidant activity and reactive oxygen species

FRET-based GFP biosensors can also be employed in in vitro applications as an alternative
tool for high throughput screening assays. These assays are simple, inexpensive, reproduci‐
ble and highly specific. A good example can be observed in the use of bacterial cell-based
assays for screening antioxidant activity of various substances for biological activity [72]. To
achieve this objective E.coli biosensor strains that carry the plasmid that fuses sodA (manga‐
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nese superoxide dismutase) and fumC (fumarase C) promoters with GFP genes, called so‐
dA::gfp and fumC::gfp respectively, were produced and used to evaluate antioxidant
activity of a number of phenolic and flavonoid compounds in comparison with two DPPH
radical scavenging and SOD activity assays (two more conventional assays). After paraquat
treatment of E. coli cultures to induce oxidative stress, the putative antioxidant compounds
were added and both the GFP fluorescence and cell culture density readings were taken to
determine the role played by the respective compounds in reducing the free radical accumu‐
lation and intracellular oxidative stress.Genes sodA and fumC are turned on by SoxR and
OxyR, respectively, which are the two main regulatory proteins involved in oxidative stress
sensing. GFP fluorescence is therefore diminished by successful antioxidants. These con‐
structs are important because they function as alternative screening tools that can be utilized
to assess the activity of compounds with therapeutic potential against oxidative stress. Anti‐
oxidants have been shown to play a role in disease prevention.

3.2.3. Detection of calcium ions

FRET-based and single domain Ca2+ sensors have been constructed using the allosteric effect
of calcium binding to receptors calmodulin or troponin [73]. In one construct, the CFP/YFP
pairing is separated by a linker containing a calmodulin domain and a calmodulin ligand
peptide called M13.When Ca2+ is present, it binds to the calmodulin domain, inducing a con‐
formational change and binding of the proximal M13 peptide sequence. The M13 binding
results in shortening of the linker, bringing CFP within FRET distance of YFP and changing
the emission wavelength from cyan to yellow. The Ca2+ binding affinity was found to be
highly variable, around 0.3 uM with a Hill coefficient of n=4, depending on conditions.
When used in vivo, the calmodulin-based biosensors suffered from endogenous interference
by host proteins and did not always work [73]. To remedy this, the calmodulin/M13 linker
was replaced with troponin C, whose N-to-C distance is shortened by Ca2+ binding, result‐
ing in FRET.Using another strategy, calmodulin and M13 peptide sequences were separated
by a circularly-permuted EGFP, which was quenched in the absence of Ca2+ but recovered
fluorescence upon Ca2+-induced binding of the calmodulin to M13. Improved genetically en‐
coded Ca2+ indicators have been used in vivo to trace action potentials in neurons, with re‐
sponse times in the millisecond range [73, 74], becoming competitive with synthetic
indicators and recording electrodes.

4. In vitro applications

GFP has great potential to work as an in vitro biosensor.Because of its remarkable stability, it
can be used and manipulated in multiple ways to impart sensor functionality to the pro‐
tein.Several approaches are described here, including creating a chimeric protein with anti‐
body fragments, linking fluorescent proteins to quantum dots, manipulating the amino acid
sequence to create analyte pores, as well as sequence manipulation that provides increased
halide ion and/or pH sensitivity.
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4.1. GFP-antibody chimeric proteins

The goal of GFP-antibody chimeric proteins (GFPAbs) is to convert a multi-step experimen‐
tal process for locating molecules via antibodies and enzyme-linked secondary antibodies,
into a one-step process using a GFPAbs.This molecule could then work as a detection re‐
agent in flow cytometry, for intracellular targeting, or fluorescence-based ELISAs [38].How‐
ever, in order to replace antibodies in these techniques, it is important to achieve the same
nanomolar sensitivity that is found in the natural antibodies.To do this, [38] inserted two an‐
tigen-binding loops into the GFP structure, counting on cooperativity in binding to enhance
affinity.

It became clear that adding loops impinges on the integrity of the native GFP structure.The
binding loops must be placed such that their presence in the fluorescent protein does not
jeopardize its structural fidelity, or that of the chromophore.There are only a few locations
in the molecule that are amenable to such insertions:turn regions β4/β5 (residue 102), β7/β8
(residue 172) and β8/β9 (residue 157).The latter two are too far apart in three-dimensional
space to provide for cooperative binding (see Figure 5). The β4/β5 and β8/β9 loop regions
are in close proximity, but these do not easily accommodate random loop insertions.

[38] used directed evolution with yeast surface display [75] to find sequences that stabilized
the folded conformation in the context of loop insertions.The yeast secretory pathway does
not allow unfolded protein to reach the surface of the cell, thus only mutants that yield fully
folded GFP were displayed by yeast cells. Directed evolution revealed several mutations
that conferred additional stability and increased fluorescence in the context of inserted
loops: D19N, F64L, A87T, Y39H, V163A, L221V, and N105T. The F64L mutation has been
shown to increase fluorescence of GFP and also to shift the excitation maximum to 488
nm.Y39H and N105T have been shown to improve refolding kinetics and refolding stability,
respectively.V163A is linked to improved folding as a result of its increased expression in
yeast surface display [38]. These mutations accommodated the insertions of antigen-binding
loops from antibodies raised against streptavidin-phycoerythrin, biotin-phycoerythrin,
TrkB, or GADPH, all while maintaining 40% of the fluorescence and 60% of the expression
of wild type GFP.With dual loop insertion, dissociation constants as low as 3.2 nM have
been achieved [38]. The success of this construct means that molecules such as GADPH can
be located within cells without having to engineer a second round of antibodies, saving both
time and resources.

4.2. A chimeric fluorescent biosensor based on allostery

A general method for developing a biosensor for a specific receptor-ligand interaction has
been described [76] in which a receptor protein is inserted into the GFP sequence between
strand 8 and strand 9. The insertion puts enough of a strain on GFP that its fluorescence is
reduced. Binding of the ligand to the GFP-receptor chimera may then impart enough of a
change in its conformation that it causes a change in fluorescence, since the b8/b9 loop is
fairly close in space to the chromophore. This change may be found by plate screening for
fluorescence. In [76], the receptor Bla1 was cloned into the loop, and random mutations
were made to this construct. Mutant constructs that detected the Bla1 ligand BLIP were
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identified by a visual screen of colonies before and after the induced expression of BLIP. Us‐
ing this method, a double mutant was found that was shown to detect BLIP in vitro with mi‐
cromolar affinity. In principle, this method could be used to generate a sensor for any ligand
that can be expressed in bacteria or added exogenously, as long as a receptor protein exists
that can be inserted into the GFP loop.

4.3. FRET-based biosensors using quantum dots

FRET-based in vitro biosensors may be constructed by linking fluorescent proteins to quan‐
tum dots (QDs).QDs are inorganic molecular nano-crystals whose absorption and emission
spectra are dictated by the size of the QD.For example, a QD may be engineered to absorb
ultraviolet light and emit light at 550 nm, which overlaps well with the excitation spectrum
of mCherry, a variant of GFP [77], and produces FRET when the two fluorophores are in
close proximity.

In order to make the FRET emission analyte-dependent, the QD was linked to the mCherry
via an N-terminal linker peptide that contained a protease cleavage site and a 6 histidine
tag.The imidazole side chains of the histidines electronically coordinate with the zinc atoms
of the CdSe—ZnS core-shell semiconductor of the QD [77]. Multiple mCherry molecules can
be coordinated with each QD. Splitting of mCherry from the QD by a protease may be de‐
tected by the loss of FRET.By placing the caspase-3 cleavage sequenceinto the linker be‐
tween GFP and the QD, the FRET complex becomes a biosensor for the presence of
caspase-3, glowing red at 610 nm in the absence of the protease, and reverting to the yellow
fluorescence of the QD at 550 nm when the protease is present (Figure 8).

Figure 8. QD-FRET, showing emission of the chromophore only when in close proximity to the QD. When the two are
split by caspase activity, FRET is lost. Figure used with permission from [78].

GFP/QD FRET emission may be also be manipulated by pH-induced changes in the spectral
overlap, without having to spatially separate the QD from the fluorescent protein.It has been
shown that fluorescent proteins such as GFP and mOrange experience a shift in excitation
and emission spectra with changes in pH [78].At a slightly acidic pH, there is very little
spectral overlap between the QD emission and the mOrange excitation, which means that
the QD emission is seen, in this case around 520 nm.However, as the pH increases, the exci‐
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tation spectrum of mOrange shifts such that there is more overlap with the QD emission,
which subsequently causes an increase in FRET.The result is an upward shift in the emission
wavelength with increasing pH.It is important to note that since there is a fluctuating hydro‐
gen ion concentration, the histidine-QD coordination complex becomes unstable.In order to
remedy this problem, a covalently linked quantum dot must be used.

4.4. Fluorescent proteins as intrinsic ion sensors

Fluorescent proteins, especially E2GFP, have been shown to be sensitive not only to pH
changes but also to the concentration of certain ions, particularly chloride ions.E2GFP pro‐
vides an avenue for single domain ratiometric analysis of pH because it contains two excita‐
tion and emission peaks. Only the longer wavelength emission peak is pH dependent
[68].Therefore analysis of pH based on the ratio of green fluorescence to cyan.By coupling
E2GFP to another fluorescent protein in a fusion construct, it is also possible to measure oth‐
er intracellular chloride ion concentration.For example, DsRed is neither pH nor chloride ion
sensitive, so it can be used to measure chloride ion concentration based on the ratio of its
fluorescence to the cyan emission of E2GFP.

Figure 9. The analyte channel through which copper ions can pass through to the interior of the barrel structure and
quench the fluorescence of the chromophore. Used with permission from [80].

Making a few modifications can make GFP sensitive to the concentration of other ions.For
example, superfolder GFP can be made sensitive to copper ions by mutating the arginine at
position 146 to a histidine, which, as previously mentioned, coordinates well with metal ions
[79]. GFP can also become sensitive to ions by creating channels in the structure through
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which small molecules can pass through and access the chromophore (Figure 9).By mutat‐
ing position 165 from a phenylalanine to a glycine, a channel is opened that is about 4 Å
wide.This allows small molecules such as copper ions to enter the hydrophobic core of the
protein and quench fluorescence [80]. GFP, thanks to its stability, has shown a remarkable
ability to be modified, and thus shows great promise in visualizing a large variety of intra‐
cellular and extracellular substances.

5. Computationally designed LOO-GFPs

Recent work in the Bystroff lab has focused on programming GFP to accept any desired pro‐
tein as a binding partner, like an antibody, and to switch on fluorescence only when the tar‐
geted protein is bound. The strategy combines Leave-One-Out split reconstitution with
computational design and high throughput screening.

Leave-One-Out (LOO) was described earlier (“Leave-One-Out” GFP) as a technique for de‐
veloping split proteins that spontaneously reconstitute function. Fluorescence is recovered
in LOO-GFP when the left-out piece is encountered in the analyte. A promising application
of LOO-GFP, knowing that it binds to the left-out segment and fluoresces [39, 40], is to engi‐
neer novel LOO-GFP molecules that recognize and sense desired peptides derived from oth‐
er sources such as virus, bacteria and parasites. By modifying the sites of one of the eleven
β-strands to complement shapes of given target peptides, the engineered LOO-GFP mole‐
cules will report the presence of specific target proteins, and therefore their host organism,
through simple fluorescence readout (Figure 10).LOO-GFP biosensors can be engineered by
generating mutations that accommodate the shape and charge of a desired target peptide.
The target peptide may be made available for binding by denaturing the target protein.

Figure 10. LOO-GFP peptide biosensors. Engineering LOO-GFP molecules to accommodate desired target peptides
create specific sensing tools where fluorescence can be reconstituted upon adding back the left-out peptides and sig‐
nals the detection.

Theoretically, this goal could be achieved by random mutation followed by high throughput
screening to find mutants that glow in the presence of a peptide. However, random muta‐
tion would be extremely inefficient. Computational protein design methods offer a much
better alternative for rationally generating sequence diversity before the labor-intensive ex‐
perimental screen.
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5.1. Computer-aided protein design

Computational protein design predicts protein sequences that fold into predefined protein
structures. Proteins are described as a set of atoms with 3D spatial coordinates and physical/
chemical properties [81-84]. Instead of mutating residues experimentally, mutations are ex‐
plored in silico and selected using a computed goodness of fit (Figure 11). Mutations predict‐
ed to cause collisions between atoms, leave unsatisfied hydrogen bonding partners, cause
charge-charge repulsion, or employ rare amino acid side chain conformations are down-
weighted by assigning them a higher energy value. To facilitate the search for the best muta‐
tions, amino acid side chains are discretized into rotational isomers (called rotamers) [85-87].
Protein sequences that preserve the desired functionalities, such as the binding of a ligand,
are obtained by searching the space of all side chain rotamers for the minimum free energy.
There are few reviews of the methods used [88].

Figure 11. Computational protein design coupled with design library generation [89]. The entire designed sequence
space of selected residues is computationally screened to determine the global minimum energy configuration
(GMEC) for the given structure. Starting from the GMEC, sequence space is explored to obtain sub-optimal sequences
that are also potentially predicted to be functional. A DNA library is constructed to cover all predicted sequences, and
candidates are screened experimentally to select clones with desired functions. Information from analyzing obtained
mutants is utilized to validate and improve the computational protein design strategy, and provides a better starting
model for iterative optimization.

5.2. Protein biosensors versus other methods for detecting pathogens

Biosensors for specific proteins and pathogens offer potential advantages over the current
state of the art, notably speed and simplicity. Laboratory diagnostics of infections commonly
includes pathogen isolation using culture, direct antigen detection, or detection of pathogen
specific DNA and/or RNA by polymerase chain reaction (PCR). The isolation method re‐
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quires a culture system to inoculate a specimen, followed by the examination of specific
characteristics produced by pathogens, such as the cytopathogenic effect of virus and the
distinct metabolism of bacteria. Although culture-based methods have higher detection sen‐
sitivity, they generally take three to ten days for diagnosis. Alternatively, immunoassays uti‐
lize pathogen specific antibodies and secondary anti-antibodies to detect and report a
pathogen. Most of the rapid diagnostic tests only take 15 to 30 min for diagnosis, but raising
specific antibodies against pathogens is time-consuming and expensive. Thirdly, molecular
diagnosis using PCR takes the advantage of the gene amplification and provides a highly
sensitive detection in diagnosis from minute amounts of pathogen genome within a short
time. However, the need for real-time PCR and gel electrophoresis apparati and reagents
means it will not be possible in all settings, where a simple biosensor test would be possible.
PCR assumes that DNA is present, but some pathogens such as anthrax toxin, snake venom
and bovine spongiform encephalopathy contain no genetic material. All these point to a
need for developing a diagnostic tool for proteins that is fast and easy to use, and suitable
for rural, point-of-care facilities in developing nations.

The following describes how the computer-aided design of LOO-GFP was done, and the en‐
couraging but preliminary results. The process has three steps: (1) the selection of a target
peptide sequence from the genome of the pathogen, (2) the computational design of the
LOO-GFP• target complex, and (3) the experimental screening of a library of potential bio‐
sensor sequences.

5.3. Target peptide selection

A target peptide for detection must be unique in order to avoid false positives, and must be
conformable to the LOO-GFP binding site, which is the site of one of the eleven β-strands of
GFP. From the examination of GFP and homolog fluorescent protein structures and sequen‐
ces, we defined a set of signature patterns for each β-strand. These patterns define the limits
of mutation. For example, no position within a target peptide may be a proline, since it must
be hydrogen bonded on both sides to the neighboring β-strands. Cysteines are also disal‐
lowed, for experimental reasons.Target peptides are selected by searching the sequences of
the target organism for a match to the signature pattern.Other considerations including the
location of protease recognition sites, cellular location, and protein expression levels.

In the case study described here, a twelve-residue peptide (SSHEVSLGVSSA) was selected
from hemagglutinin (HA) sequence of avian influenza virus H5N1, using the signature pat‐
tern of GFP β-strand 7. The target peptide retains the sequence pattern of the wild type β-
strand 7, and it can be released by the chymotrypsin digestion of HA protein. A BLAST
search of all known protein sequences confirmed that the HA target sequence occurs only in
hemagglutinin from influenza virus type A.

5.4. Computational pre-screening of candidate biosensor sequences

To engineer customized LOO-GFP biosensors that sense a given peptide we developed a set
of software called DEEdesign. DEEdesign uses a combination of physical properties and
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LOO-GFP• target complex, and (3) the experimental screening of a library of potential bio‐
sensor sequences.

5.3. Target peptide selection

A target peptide for detection must be unique in order to avoid false positives, and must be
conformable to the LOO-GFP binding site, which is the site of one of the eleven β-strands of
GFP. From the examination of GFP and homolog fluorescent protein structures and sequen‐
ces, we defined a set of signature patterns for each β-strand. These patterns define the limits
of mutation. For example, no position within a target peptide may be a proline, since it must
be hydrogen bonded on both sides to the neighboring β-strands. Cysteines are also disal‐
lowed, for experimental reasons.Target peptides are selected by searching the sequences of
the target organism for a match to the signature pattern.Other considerations including the
location of protease recognition sites, cellular location, and protein expression levels.

In the case study described here, a twelve-residue peptide (SSHEVSLGVSSA) was selected
from hemagglutinin (HA) sequence of avian influenza virus H5N1, using the signature pat‐
tern of GFP β-strand 7. The target peptide retains the sequence pattern of the wild type β-
strand 7, and it can be released by the chymotrypsin digestion of HA protein. A BLAST
search of all known protein sequences confirmed that the HA target sequence occurs only in
hemagglutinin from influenza virus type A.

5.4. Computational pre-screening of candidate biosensor sequences

To engineer customized LOO-GFP biosensors that sense a given peptide we developed a set
of software called DEEdesign. DEEdesign uses a combination of physical properties and
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statistical knowledge to energetically evaluate the fitness of rotamers in protein structures,
along with sampling algorithms to search the space of all possible mutations. The parame‐
ters used in the fitness scoring system are trained by a machine learning technique to repro‐
duce the true sidechain conformations in high-resolution crystal structures [90]. Sequence
space is searched using one of two methods, either using Monte Carlo [91], with random
mutations accepted or rejected based on the calculated energy, or using the dead-end elimi‐
nation theorem (DEE), which holds that if energies can be decomposed into pairwise terms,
then a solution to the problem of finding the lowest energy set of mutations can be found by
a process of successive elimination [92].

However, inaccuracies in design due to the imperfect scoring system, the use of discretized
side chains, and the lack of precise modeling of backbone flexibility, affect the reliability of
the method. Therefore, instead of relying on the accuracy of the single lowest energy protein
sequence, DEEdesign provides an ensemble of plausible mutants, all with reasonably low
calculated energy scores. These are assembled into a single amino acid profile, from which a
library of nucleotide sequences is derived, employing degenerate codons for those positions
in the sequence that have more than one possible amino acid.

In our case study, residues 143-154 NSHNVYITADKQ of β-strand 7 were mutated in silico to
the target peptide sequence SSHEVSLGVSSA from HA. All residues within 7Å of the target
were mutated to all amino acids within the constraints of the evolutionary history of GFP,
where the latter was derived from a multiple sequence/structure alignment of 34 fluorescent
proteins, augmented by additional homologous sequences. If an amino acid was found at a
given position in the evolutionary history of GFP, then that amino acid was allowed in the
course of the sequence space search, otherwise it was disallowed. DEE and Monte Carlo
were used to search this sequence space, identifying an ensemble of low-energy sequences
such that the total complexity of the sequence space of the ensemble was only about ten
thousand unique sequences, a number that can be efficiently screened on petri plates.The
ensemble of sequences was back-translated to DNA and divided into overlapping degener‐
ate-codon oligonucleotides of 60 bases each by the program DNAWorks [93]. The set of
mixed oligos was assembled by PCR into a gene library for screening, using the protocols of
gene assembly mutagenesis [94].

5.5. Experimental screening and diversity generation by in vitro evolution

The computationally generated library for the H5N1 LOO-GFP biosensor had a complexity
of around 10000 sequences and was relatively easy to screen in low to medium-throughput
manner by looking for colonies that were fluorescent when co-expressed with its target pep‐
tide sequence. We fused the target peptide to intein [95] so that it would be cleaved immedi‐
ately after expression and would exist as a free peptide.

However, potential mutations that are distant from the binding site of the target peptide (i.e.
>10Å away from the binding site) may still have indirect effects on the binding of the target,
or influence on LOO-GFP folding, are not easily captured in the computational design proc‐
ess because of time and memory limitations. To expand the screening, candidate mutant
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genes can be subjected to rounds of in vitro evolution, such as error-prone PCR [96] and/or
DNA shuffling [24].

We demonstrated the first proof-of-concept for designing LOO-GFP biosensors by combin‐
ing computational protein design and in vitro evolution. DEEdesign was used to create a set
of degenerate oligonucleotide primers for gene assembly. DNA shuffling was performed di‐
rectly on this set of genes to further increase the diversity of the constructed library, since
gene assembly mutagenesis does not ensure complete representation of all possible antici‐
pated sequences [94]. DNA shuffling also introduces random mutagenesis beyond the pre‐
dicted mutations on the gene variant.

Potential candidates for LOO-GFP biosensors were plate-screened in E. coli that co-expressed
the biosensor gene library and the HA peptide fused to a carrier, intein. Expression of both
peptide and biosensor library were induced simultaneously, and the intensity of fluorescence
was monitored under excitation of 488 nm wavelength after the induction of 24 hours at room
temperature. Two potential LOO-GFP biosensors, DS1 and DS2, that produced elevated fluo‐
rescence intensity in the presence of the HA peptide were found (Figure 12). There were nine
and sixteen mutations found in DS1 and DS2 respectively, and seven of those mutations were
from DEEdesign prediction and the remainder were from in vitro evolution.

 
Figure 12. Potential LOO-GFP biosensors against HA target peptides of influenza virus. (A) Time course study of fluo‐
rescence recovery upon expression of biosensor variants with [+] and without [-] HA peptides. Protein expression was
induced with 0.5mM IPTG and under room temperature. Fluorescence was record every hour for 4 hours and after 24
hours. All pictures were taken with the same setting of digital camera. (B) Multiple sequence alignment of LOO7, DS1
and DS2 mutant. Mutations introduced by computational design (green) and in vitro evolution (red) in DS1 and DS2
mutants are shown.

When co-expressed with the HA peptide, the DS1 mutant exhibited target-dependent matu‐
ration of chromophore, while in the absense of the peptide it showed barely detectable fluo‐
rescence even after 24 hours, indicating a specific interaction between DS1 mutant and the
HA peptide. DS2 mutant showed faster recovery of fluorescence within four hours in the
presence of the HA peptide; however, a higher degree of nonspecific auto-fluorescence was
also observed after 24 hours. The DS1 mutant chromophore formation showed a greater de‐
pendency on the left-out peptide (i.e. the HA peptide), implying better folding of designed
LOO-GFP molecule, than DS2 mutant in vivo, showing DS1 mutant as a better HA-specific
LOO-GFP biosensor.
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6. Conclusions

The unique physical properties of GFP have made it a gold mine for the development of bio‐
sensors and biomarkers. GFP is kinetically super-stable. Its sequence may be readily per‐
muted and mutated. Its engineered variants fluoresce at wavelengths across the visual
spectrum, and some pairs of variants can interact via FRET. GFP is quenched by unfolding,
by certain ions, and sometimes by light, and variants of GFP are pH sensitive. With many
ways of generating a signal, it is no surprise that many types of biosensors have been devel‐
oped that use GFP and its homolog fluorescent proteins.GFP and its variants can be immo‐
bilized and even dried while retaining structure and biosensor function, leading to the
promise of future GFP-biosensor microarrays capable of detecting a wide variety of analytes
in a single assay. In addition to being broadly useful, such material should be very cheap to
produce, and would also be easily stored, used, and read.Arrays of GFP-based biosensors
on paper or film may someday become available for household use, so that infections may
be rapidly diagnosed without a trip to the hospital, or may become integral parts of devices
that continuously monitor the water and air, making the world a healthier and safer place.
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1. Introduction

Biosensors for last two decades make ideal sensing systems to monitor the effects of pollu‐
tion on the environment, in the food or textile industry as well as medical diagnostic due to
their biological base, ability to operate in complex matrices, short response time and small
size.

In enzymatic devices, efforts have been concentrated on the control over enzyme activity,
which is highly dependent on the interface between the electrode and the enzyme. Such con‐
trol has led to immobilization techniques suitable for anchoring the enzyme close to elec‐
trode with preservation of its biological activity. In these type of devices, where retaining of
the enzyme activity at the electrode/enzyme interface is the key to design efficient electrode,
charge transfer between enzyme and electrode should be fast and reversible. Moreover, the
charge transfer may also be optimized with some mediating particles (i.e. conducting units)
being used in conjunction with the biological molecules at the electrode surface. To the use
of conducting polymers for the fabrication of various biosensors have been dedicated exten‐
sively study due to their redox, optical, mechanical and electrical properties, as well as to
their unique capability to act both, as transducers, and an immobilization matrices for en‐
zyme retention [1].

It is essential for the sensitivity of the system that the recognition units have optimized sur‐
face density, good accessibility, long-term stability and minimized non-specific interactions
with compounds other than the analyte. Such model molecular assemblies can be prepared
by Langmuir-Blodgett (LB) and Langmuir-Schaefer (LS) techniques [2,3], layer-by-layer
(LbL) or by employing self-assembly monolayers (SAMs) or electrolytic deposition (Fig. 1)
[4,5]. The main advantage of using thin films to build a biosensor is the possibility to de‐
crease dramatically the response time of the device. Langmuir-Blodgett type technology al‐
lows building up i.e. lamellar lipid stacking at an air/water interface, which can be easy
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transported onto a solid support. When all parameters are optimized, this technique corre‐
sponds to one of the most promising for preparing thin films of amphiphilic molecules.
Based on the self-assembled properties of amphiphilic biomolecules at the air/water inter‐
face, LB technology offers the possibility to prepare biomimetic layers suitable for adsorp‐
tive immobilization of bioactive molecules [6].

Proteins are more challenging to prepare for the different microarray than i.e. DNA, and
protein functionality is often dependent on the state of proteins. Since enzymes often signifi‐
cantly reduce their activity during immobilization, the optimized adsorption methods seem
to be optimal for the retaining of conformational states of proteins on solid surfaces. Among
the various immobilization techniques available, adsorption may have a higher commercial
potential than other methods because the adsorption process is simpler, less expensive, re‐
tains a high catalytic activity, and most importantly, the support could be repeatedly reused
after inactivation of the immobilized enzyme.

Enzyme-based biosensors play an important role in various industries, such as food, manu‐
facturing, clinic, and environment. Recently, mediators have been employed in enzyme-
based biosensors in order to shuttle electrons between the redox enzyme and the electrode
surface. Solution-phase mediators may cause electrode contamination and operation incon‐
venience. In order to overcome the above-mentioned drawbacks and improve the perform‐
ances of the biosensors, the immobilization of the mediator with protein on a solid support
provides a new way to construct reagentless biosensors [7].

However, there is many techniques of biocatalysts immobilization and much research is
dedicated to fabricate the biosensing elements, the construction of novel type of biosensor is
challenge for new technologies and the key problem is modification of electrode by enzyme
using thin film preparation methods.

Electrode

Conducting
copolymer

Biocatalyst

Figure 1. Layered biosensor system
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2. Langmuir-Blodgett, Langmuir-Schaefer, layer-by-layer assembly
multilayers of proteins

The concept of using biomolecules as an elementary structure to develop self-assembled
structures of defined geometry has thus received considerable attention. In this way, the
self-assembly ability of amphiphilic biomolecules such as lipids, to spontaneously organize
into nanostructures mimicking the living cell membranes, appears as a suitable concept for
the development of biomimetic membrane models. The potential of two-dimensional molec‐
ular self-assemblies is clearly illustrated by Langmuir monolayers of lipid-like molecules,
which have been extensively used as models to understand the role and the organization of
biological membranes and to acquire knowledge about the molecular recognition process
[6,8]. Langmuir-Blodgett technology allows building up lamellar lipid stacking by transfer‐
ring a monomolecular film formed at an air/water interface – named Langmuir monolayer
or Langmuir film– onto a solid support (Figure 2).

A B

Figure 2. Langmuir – Blodgett deposition

Lipid-based phases are particularly attractive because they can be nanostructurally custom‐
ized, for instance, to closely resemble cellular components, or to formulate delivery vehicles
for biomolecules and drugs. In the presence of water or aqueous buffers, lipid molecules can
self-assemble into a wide range of nanostructures [9]. The intrinsically low degree of non‐
specific adsorptivity of supported membranes makes them interesting as an interface be‐
tween the nonbiological materials on the surface of a sensor or implant and biologically
active fluids [10,11]. Potential applications include the acceleration and improvement of
medical implant acceptance, programmed drug delivery, production of catalytic interfaces,
as a platform to study transmembrane proteins and membrane-active peptides, and as bio‐
sensors [12-14].

Although the LB method does not solve all problems associated with engineering the struc‐
ture of condensed phases, it does provide a level of control over the orientation and place‐
ment of molecules in monolayer and multilayer assemblies that is not otherwise available.
When all parameters are optimized, this technique corresponds to one of the most promis‐
ing for preparing thin films of amphiphilic molecules as it enables an accurate control of the
thickness, an homogeneous deposition of the monolayer over large areas compared to the
dimension of the molecules, as well as the possibility to transfer monolayers on almost any
kind of solid substrate. Based on the self-assembled properties of amphiphilic biomolecules
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at the air/water interface, LB technology offers the possibility to prepare biomimetic layers
suitable for immobilization of bio-active molecules [8].

Systems mimicking natural membranes appear promising in the field of bioelectronic devi‐
ces and represent useful models in basic research on membrane behavior in life science. For
such purposes, the interest of LB films is now largely recognized, and several enzyme sen‐
sors based on the LB technology have been reported (Table 1).

Protein
Immobilization

method
Thin ordered film Stability References

Glucose oxidase Lipid - coating LB – two layers film of lipids 3 month [15]

Catalase Adsorption LB – one layer film of phospholipids >3 months [16]

Laccase Adsorption
LB – five layers film of benzothiadiazole

copolymers in mixture with linoleic acid
>3 months [2]

Invertase Adsorption
LS – one layer film of phospholipids and

octadecylamine
>4 months [17]

Cellulase Adsorption LS film of cellulose No data [18]

Glucose oxidase Adsorption

LbL films of alternate layers of

poly(allylamine) hydrochloride and

glucose oxidase

20 days [19]

Urease
Adsorption and

covalent grafting

LbL multilayer films of alternate

charged polysaccharides, chitosan and

polyaniline

3 weeks [20]

β-Galactosidase,

glucose oxidase,

peroxidase

Adsorption
self-assembled monolayer of a 3-

mercaptopropionic acid
4 weeks [21]

Cholesterol oxidase Adsorption

LB layers of

octadecyltrimethylammonium and

nano-sized

Prussian blue clusters

No data [22]

Table 1. Selected biosensor based on thin ordered films

In particular LB films are offering a possibility of obtaining extended two–dimensional π-
electron systems [23]. Although, majority of conventional conducting polymers are not solu‐
ble in common solvents, making any LB deposition impossible, one can increase their
solubility by attachment of side groups (usually n–alkyl ones) to the main chains. According
to this Langmuir-Blodgett, horizontal lifting or other self–assembled method is employed
for obtaining molecular films of conducting structures. This type of material is popular in
designing of sensor devices. Product in any solid-state sensor, analyte molecules have to dif‐
fuse into and react with the acting sensing component and any product of the reaction must
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diffuse out. It therefore follows that the thinner the sensing layer is, the less time this will
take and thereby speed and reversibility being improved.

Device preparation requires use of facilitative methodologies for the organization of biologi‐
cal components in a particular configuration. Self-assembled monolayer and LB methods
have been used for organization of functional elements in two-dimensional or layered struc‐
tures, respectively. These methods offer opportunities for immobilization of functional com‐
ponents into well-organized structures. As a convenient methodology alternate layer-by-
layer adsorption has been paid much attention as an emerging methodology.

Recent research has proved the great applicability of the LbL technique not only for prepa‐
ration of bio-related devices but also for producing various device structures, including sen‐
sors [24], photovoltaic devices [25], electrochromic devices [26], fuel cells [27].

Materials that can be used in LbL methods cover a wide range including conventional poly‐
electrolytes, conductive polymers, dendrimers, proteins, nucleic acids, saccharides, virus
particles, inorganic colloidal particles, quantum dots, clay plates, nanosheets, nanorods,
nanowires, nanotubes, dye aggregates, micelles, vesicles, LB film, and lipid membranes [28].
In most cases, the LbL assembly is carried out based on electrostatic interactions. As illus‐
trated in Figure 3, adsorption of counterionic species at relatively high concentrations leads
to excess adsorption of the substances, as a result of charge neutralization and resaturation,
finally resulting in charge reversal.

Figure 3. Layer-by-Layer assembly [28]

The forces for LbL assembly are not limited to electrostatic interactions alone. Various inter‐
actions including metal-ligand interaction, hydrogen-bonding, charge transfer, supramolec‐
ular inclusion, bio-specific recognition, and stereo-complex formation can be used for LbL
assembly [28]. Biocompatibility is the most prominent advantage of the LbL assembly be‐
cause this procedure requires mild conditions for film construction. Most proteins, especial‐
ly those soluble in water, have charged sites on their surface, and so the electrostatic LbL
adsorption is useful for the construction of various protein organizations.

In order the aim to develop models mimicking biomembranes usable for applications in the
biosensor field, studies of biological activities of membraneous proteins after incorporation
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in a phospholipidic bilayer were widely investigated [29,30]. Well known is the sensing sys‐
tem built by the incorporation of glutamate dehydrogenase or choline oxidase into fatty acid
LB films through an adsorption or an inclusion process which consists of sandwiching the
protein molecules between two LB layers [31]. The molecules of glutamate dehydrogenase
adsorbed on the surface of behenic acid LB films work as a protective screen against the re‐
arrangement of the multilayers induced by diffusion of the alkaline buffer inside the struc‐
ture; on the contrary, the choline oxidase molecules operate as an accelerating factor of the
structural lipidic reorganization induced in the same conditions.

The physiological activity of transmembrane proteins, however may depend on the physico‐
chemical properties of neighboring phospholipids. Such dependence has been demonstrated
in the case of, among others, hydroxybutyrate dehydrogenase, Ca2+-ATPase and melibiose‐
permease. Moreover, all integral membrane proteins are surrounded by a layer of phospho‐
lipids, the annular region, which provides the adequate lateral pressure and fluidity to seal
the membrane during the changes in the protein during transport events [32].

2.1. Main membrane lipids

All the amphiphilic molecules are potentially surface active agents and substantially mon‐
olayer-forming materials. It is possible to find a discussion on the range of a large variety
of  amphiphile  compounds able  to  form insoluble  monomolecular  films [33].  Due to  the
synthesis  of  biomimetic  membranes,  the most important types of  amphiphilic  molecules
are fatty acids, phospholipids and glycolipids. Cholesterol as a type of steroid extremely
abundant  in  the  cell  membrane,  can  also  form insoluble  monolayers  but  it  is  generally
more studied mixed with other phospholipids [34-36] in order to its implication in the for‐
mation of lipid microdomains. Figure 4 presents the examples of the principal structures
of  these  different  types  of  lipids.  The amphiphilic  nature  of  biological  surfactants  is  re‐
sponsible for their aggregation at the air/water interface. Their affinity for the air/water in‐
terface  is  determined  by  the  physico-chemical  properties  of  the  hydrophilic  and
hydrophobic parts.  The monolayer forming abilities of  the amphiphiles is  dependent on
the balance between these two opposite forces,  which are determined by the size of the
hydrophobic  tail  group  (i.e.  the  alkyl  chain)  and  the  strength  of  the  hydrophilic  head
group (i.e.  size,  polarity,  charge,  hydration capacity)  [6].  If  the equilibrium between hy‐
drophilic and hydrophobic part of molecule is disturbed, the material dissolve in the sub‐
phase and is not able to form a stable monolayer.

Most of the lipidic cell membrane components are composed of a zwitterionic head group at
pH 7.0 (phospholipids) or contain a highly hydrophilic polar group (glycolipids), and a hy‐
drophobic part which is constituted by two hydrocarbon chains per molecule and drastical‐
ly reduces the water solubility of the complete lipidic membrane molecule. Consequently,
many components of cell membranes form insoluble monolayers at the air/water interface
since the lipid concentration in the aqueous subphase is negligible, and some of them may
be built up into multilayer films by Langmuir-Blodgett deposition.
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Figure 4. Examples of the main membrane lipids; 1) phospholipids: a, phosphatidylcholine; b, phophatidylserine; 2)
glycolipids: c, monogalactosyldiglyceride; 3) sphingolipids: d, sphingomyelin; e, cholesterol

3. Protein adsorption at the solid/liquid interface

Protein adsorption at solid/solution interface has been a research focus for more than three
decades due to its importance in the development of biocompatible materials, various bio‐
technological processes, food and pharmaceutical industries, and promising new areas such
as biosensor, gene microarray, biochip, biofuel cell and so on. In order to control and manip‐
ulate protein adsorption, the mechanisms which govern the adsorption process need to be
well understood.
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The effect of variables like pH, temperature, the ionic strength, the properties of the protein
and the surface, the nature of the solvent and other components on protein adsorption have
been studied. Protein adsorption is a very complex process (Figure 5), which is driven by
different protein-surface forces, including van der Waals, hydrophobic and electrostatic
forces. Attention is also paid to the structural rearrangements in the protein, dehydration of
the protein and parts of the surfaces, redistribution of charged groups in the interfacial layer
and the role of small ions in the overall adsorption process. Protein adsorption also depends
on the chemical and physical characteristic of the surface. Conformational changes in the
protein can greatly contribute to the driving force for adsorption. Proteins are highly or‐
dered structures (i.e., states of low conformational entropy). Partial or complete unfolding of
the protein on the sorbent surface leads to an increase in conformational entropy, which can
be the driving force for protein adsorption. To assess the tendency of proteins to unfold on
surfaces, it is important to have a clear picture of protein stability.

Figure 5. Protein adsorption; a/ adsorption in membrane, b/ classic adsorption on solid, c/ encapsulation in porous
material, d/ protein with LbL assembly

Now is generally accepted that the adsorption behavior of proteins at relatively high con‐
centrations often does not follow the true equilibrium isotherm because the slow relaxation
of nonequilibrium structure leads to multilayer build-up [37, 38]. Such behavior can be
monitored by atomic force microscopy (AFM) measurements, neutron reflection, dual polar‐
ization interferometry, circular dichroism, and Fourier transform infrared attenuated total
reflectance (FTIR/ATR) [39] as well as other techniques.
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The process of macromolecular multilayer adsorption, is still too complicated to be effective‐
ly modeled by kinetic models. At low concentrations, an interfacial cavity kinetic model has
been used to characterize monolayer or submonolayer protein adsorption with surface-in‐
duced structural transitions [39].

Many studied projects have focused on the effect of various modifications in the adsorption
systems, including surface modification [40], protein modification [41], the use of saccha‐
rides [42] and surfactants [43], and adjustment of solvent conditions such as ionic strength
and pH [38, 44], for the purpose of either reducing or promoting protein adsorption.

Adsorption capacity of cytochrome c on chelated Cu2+ bead was demonstrated to be depend‐
ent on the buffer type with the observed adsorption in the order phosphate >N-(2-hydrox‐
yethyl)-piperazine-N′-2-ethanesulfonic acid >morpholinopropane sulfonic acid
>morpholinoethane sulfonic acid >tris(hydroxymethyl)-aminomethane hydrochloride (Tris-
HCl) [45]. Vasina and Dejardin reported that the adsorption of α-chymotrypsin on musco‐
vite mica was depressed by increasing the concentration of Tris-HCl buffer at pH 8.6, close
to α-chymotrypsin’s isoelectronic point [46]. Phosphate buffered saline (PBS) is the most
commonly used buffer at the pH range close to 7, since it is reported to be able to stabilize
protein structure in bulk solution environment in most cases [47]. The behavior of PBS buf‐
fer is particularly complex in adsorption studies due to the various types of phosphate ions
present and the tendency of these ions to adsorb competitively and/or to form complexes ei‐
ther with the proteins or with the surfaces.

It is also well known that protein size and net charge have significant effects on adsorption.
Changes in protein secondary structure are frequently monitored as indications of denatur‐
ing. Denaturing upon adsorption is important in many applications such as implants, biofu‐
eling. Quantification of secondary structure is sensitive to the peak assignments.

Adsorption of a protein to a surface may induce conformational changes in the protein. The
degree of conformational changes is determined by a combination of the native stability of a
protein, the hydrophobicity and the charges of the protein and the sorbent surface. Protein
adsorption can be driven by a conformational entropy gain especially if adsorption is endo‐
thermic. This entropy gain can arise from the release of the solvent molecules from hydro‐
phobic patches on the protein surface. Loses of translation entropy of the protein may play a
minor rule [48].

Norde et al. [49] study the thermodynamics for adsorption of human serum albumin (soft)
and ribonuclease (hard) on polystyrene surface (hydrophobic). That was reported that a net
increase in entropy on a like-charged polystyrene surface drives the adsorption process for
both proteins. The entropy increases because hydrophobic parts of the polystyrene surface
gets dehydrated and structural changes in the proteins allowed the molecule feel free. Pro‐
teins with low Gibbs energy of denaturation (i.e., a protein with low native-state stability is
called soft protein) are driven by entropy gains associated with the breaking down of secon‐
dary and tertiary protein structure.
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4. Immobilization of protein monolayers on planar solid supports

The concept of using self-assembled biomolecules as an elementary units to develop super‐
structures of defined geometry has thus received considerable attention. In this contents, the
self-assembly ability of amphiphilic biomolecules such as lipids, to spontaneously organize
appears as a suitable concept for the development of membrane models. The concept is
clearly illustrated i.e. by Langmuir monolayers, which have been extensively used as mod‐
els to understand the role and the organization of biological membranes [50] and to acquire
knowledge about the molecular recognition process [51,52]. Langmuir-Blodgett technology
allows to build lamellar lipid stacking by transferring a monomolecular film formed at an
air/water interface onto a solid support. When all parameters are optimized, this technique
corresponds to one of the most promising for preparing thin films of amphiphilic molecules
[6]. The sensitive element produced by LB technology has higher sensitivity and faster re‐
sponse time, can work in room temperature.

The optimal value of the surface pressure to produce the best results depends on the na‐
ture of the monolayer and is often established empirically [53]. However, the LB/LS deposi‐
tion is traditionally carried out in the condensed phase since it is generally believed that
the transfer efficiency increases when the monolayer is in a close-packed state. In that con‐
dition the surface pressure is  sufficiently high to ensure a strong lateral  cohesion in the
monolayer, so that the monolayer does not fall apart during the transfer process. Although
the optimal surface pressure depends on the nature of the material constituting the film, bi‐
ological amphiphiles can seldom be successfully transferred at surface pressures lower than
10 mN/m and at surface pressures above 40 mN/m, where collapse and film rigidity often
pose problems [6].

Moreover, the main advantage of the adsorption of the enzyme onto pre-formed LB films
lies in the possible interaction of the enzyme with a hydrophobic or hydrophilic surface de‐
pending on the number of the deposited layers, thus allowing the control of the enzyme en‐
vironment. Likewise, this approach allows the control of the thickness and the homogeneity
of the LB films harboring the enzymes. Nevertheless, the release of protein molecules due to
the weakness of their association with the surface is often the main reason which explains
the poor reproducibility of responses of LB membrane-based sensors. Due to avoid desorp‐
tion, some authors have proposed to covalently immobilize the enzyme on LB film surfaces
by the use of cross-linking agents [54].

Electrostatic  layer-by-layer  assembly was first  proposed by Decher in 1990s and proved
to  be  possible  to  build-up  ordered  multilayer  structures  by  consecutive  adsorption  of
polyanions and polycations  [55].  This  film assembly approach has  great  advantages  be‐
cause of the simplicity preparation of ultrathin films with defined composition and uni‐
form  thickness  in  nanoscale  in  which  synergy  between  distinct  materials  may  be
achieved in a straightforward, low-cost manner. With the LbL technique a wide diversity
of materials may be employed, and film fabrication is performed under mild conditions,
which is particularly important for preserving activity of biomolecules. The fundamental
concepts  and mechanisms involved in the LbL technique have been detailed in a  series
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of papers [56]. In most cases adsorption in LbL films is governed by electrostatic interac‐
tions  between  species  bearing  opposite  charges,  but  secondary  interactions  have  also
been shown to be important. The LbL technique is versatile with regard to the substrates
that may be used, which include hydrophilic  and hydrophobic glass,  mica,  silicon,  met‐
als, quartz, and polymers [57]. In addition, LbL films may be deposited directly onto col‐
loidal suspensions [58].

Several attempts have been made to fabricate hybrid enzyme electrodes with the method
[59]. In 1995 this new method was applied to immobilize negatively charged glucose oxidase
(GOx) in a polyethyleneimine based multilayer structure [60] and proved to be one of the
most perspective methods for preparing amperometric enzyme biosensors. One year later,
an oxygen mediated glucose biosensor based on GOx and poly(L-lysine) co-adsorbed onto a
negatively charged monolayer of mercaptopropionic acid, deposited on an Au electrode was
described [60]. Hodak et al. introduced LbL assembly technique to construct reagentless bio‐
sensor with glucose oxidase and ferrocene modified with poly(allylamine). Sun et al. [61]
and Chen et al.[62] fabricated peroxidase and glucose oxidase biosensors with Os-based re‐
dox polymer and enzymes. Also known isreagentless biosensor built of organic dye methyl‐
ene blue with peroxidase [63]. Vossmeyer and co-workers investigated the optical and
electrical properties of layer-by-layer self-assembly of gold nanoparticle/alkanedithiol films
[64]. Though gold nanoparticles or enzymes have been widely used to form multilayer films
by layer-by-layer technology.

5. Biorecognition elements

Bioreceptors or biorecognition elements are the key to specification of biosensor technolo‐
gies. They are responsible for binding the analyte of interest to the sensor for the measure‐
ment. These bioreceptors can take many forms and the different bioreceptors that have been
used are as numerous as the different analytes that have been monitored using biosensors.
However, bioreceptors can generally be classified into a few different major categories (Fig‐
ure 6). These categories include: antibody/antigen, enzymes, nucleic acids/DNA, cellular
structures/cells ( i.e. microorganisms), and biomimetics. The specificity of molecular recog‐
nition makes these molecules very attractive as tools for therapeutic diagnostic and other an‐
alytical applications.

5.1. Enzymes

Enzymes are the most commonly used bio-receptors in bioassays. The analyte can be the en‐
zyme, whose enzymatic activity is determined, or the substrate or the enzyme cofactors. En‐
zymatic assays are mainly based on either inhibition of the enzyme activity or catalysis.
According to the fact, variety of enzymes such as organophosphorous hydrolase, alkaline
phosphatase, ascorbate oxidase, tyrosinase and acid phosphatase have been employed in de‐
sign of pesticide bioassays and biosensors [65].
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Figure 6. Classification of bioreceptors

Enzymes are often chosen as bioreceptors based on their specific binding capabilities as well
as their catalytic activity. In biocatalytic recognition mechanisms, the detection is amplified
by a reaction catalyzed by macromolecules - biocatalysts. With the exception of a small
group of catalytic ribonucleic acid molecules, all enzymes are proteins. Some enzymes re‐
quire no chemical groups other than their amino acid residues for activity. Others require an
additional cofactor, which may be either one or more inorganic ions (Fe2+, Mg2+, Mn2+, or
Zn2+), or a more complex coenzyme. The catalytic activity provided by enzymes allows for
much lower limits of detection than would be obtained with common binding techniques.
The catalytic activity of enzymes depends upon the integrity of their native protein confor‐
mation. Enzyme-coupled receptors can also be used to modify the recognition mechanisms.
In example, the activity of an enzyme can be modulated when a ligand binds at the receptor.
This enzymatic activity is often greatly enhanced by an enzyme cascade, which leads to
complex reactions in the cell [66].
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The use of enzymes as the recognition element was very popular in the first generation of
biosensor due to their availability. Among various oxidoreductases, glucose oxidase, horse‐
radish peroxidase and alkaline phosphatase have been employed in most biosensor studies
[67-69]. Some amperometric based methods use duel enzyme systems such as acetylcholine
esterase and choline oxidase. In example, organophosphorous hydrolase catalyzes the hy‐
drolysis of a wide range of organophosphate pesticides, and as a result of its versatility, this
enzyme has been incorporated into a number of assays and sensors for the detection of this
type of compounds. Additional enzymes can be used to detect other environmental and
food contaminants such as nitrate, nitrite, sulfate, phosphate, heavy metals and phenols. Ty‐
rosinase is frequently used to determine phenols, chlorophenols, cyanide, carbamates and
atrazine.

Enzymes offer many advantages connected with high sensitivity, possibility of direct visual‐
ization and stability, but there are still some problems, which include multiple assay steps
and the possibility of the interference from endogenous enzymes. Many enzyme detection
procedures are visual eliminating the need for expensive equipment, but the enzyme stabili‐
ty is still problematic and the ability to maintain enzyme activity for a long time [70].

5.2. Nucleic acids

Recently, advances in nucleic acid recognition have enhanced the using of DNA biosensors
and biochips [71]. In the case of nucleic acid bioreceptors for pathogen detection, the identi‐
fication of analyte’s nucleic acid is achieved by matching the complementary base pairs.
Since each organism has unique DNA sequences, any self-replicating microorganism can be
easily detect [70].

Grabley and coworkers have reported on the use of DNA biosensors for the monitoring of
DNA-ligand interactions [72]. Surface plasmon resonance was used to monitor real-time
binding of low molecular weight ligands to DNA fragments that were irreversibly bound to
the sensor surface via coulombic interactions. The detection of specific DNA sequences has
been employed for detecting microbial and viral pathogens [73] and food pathogen like E.
coli [74], Salmonella sp.

Recent advances in nucleic acid recognition, like the introduction of Peptide Nucleic Acid
(PNA) has opened new opportunities for DNA biosensors. PNA is a synthesized DNA in
which the sugar-phosphate backbone is replaced with a pseudopeptide. PNA as a probe
molecule has several advantages, i.e. superior hybridization characteristics, detection of sin‐
gle-based mismatches, better stability compared to enzymes [70].

5.3. Antibodies

Antibodies are common bioreceptors used in biosensor technologies. Antibodies are biologi‐
cal molecules that exhibit very specific binding capabilities for specific structures. This is
very important due to the complex nature of most biological systems. An antibody is a com‐
plex biomolecule, made up of hundreds of individual amino acids arranged in a highly or‐
dered sequence. For an immune response to be produced against a particular molecule, a
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certain molecular size and complexity are necessary: proteins with molecular weights great‐
er than 5000 Da are generally immunogenic.

The way in which an antigen and its antigen-specific antibody interact is analogues of a lock
and key fit [66], by which specific geometrical configurations of a unique key enables it to
open a lock.

An antigen-specific antibody fits its special antigen in a highly specific manner, according to
that the three-dimensional structures of antigen and antibody molecules are matching [70].
Antibody biosensors are interested wide and interesting group of sensing devices, which in‐
cludes i.e. Surface plasmon resonance [74], fiber-optic biosensor [75], magnetoelastic reso‐
nance sensor [76] and immunosensor [77].

5.4. Aptamers

Aptamers are folded single stranded DNA or RNA oligonucleotide sequences with the ca‐
pacity to recognize various target molecules. They are generated in the systematic evolution
of ligands by exponential enrichment process which was first time reported by Ellington
[78] and Tuerk [79]. In this way suitable binding sequences are first isolated from large oli‐
gonucleotide libraries and subsequently amplified. The main application for aptamers is in
biosensors. While antibodies are used in ELISA, the similar process for aptamers is called
ELONA (enzyme linked oligonucleotide assay). They have many advantages over antibod‐
ies such as easier deposition on sensing surfaces, higher reproducibility, longer shelf life,
easier regeneration and a higher resistance to denaturation. As antibodies, they are charac‐
terized by both, their high affinity and specificity to their targets [80].

5.5. Biomimetic receptors

A receptor which is designed and fabricated and to mimic a bioreceptor is often defined as
biomimetic receptor. According to the phenomena several different techniques have been
developed over the years for the construction of biomimetic receptors [81,82]. These proce‐
dures include: genetically engineered molecules, artificial membrane fabrication and molec‐
ular imprinting method. The molecular imprinting method has existed as an attractive and
accepted tool in developing an artificial recognition agents.

Artificial membrane fabrication for bioreception has been performed for many different ap‐
plications. Stevens et al. has developed an artificial membrane by incorporating gangliosides
into a matrix of diacetylenic lipids [83]. The lipids were allowed to self-assemble into Lang‐
muir-Blodgett layers and were then photopolymerized via ultraviolet irradiation into poly‐
diacetylene membranes. However, molecular imprinting has been used for the construction
of a biosensor based on electrochemical detection of morphine [84].

5.6. Cellular bioreceptors

Cellular  structures and cells  have been used in the development of  biosensors  and bio‐
chips. These bioreceptors are either based on biorecognition by an entire cell/microorgan‐
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ism or a specific cellular component that is capable of specific binding to certain species.
There  are  presently  three  major  subclasses  of  this  category:  a)  cellular  systems,  b)  en‐
zymes and c) non-enzymatic proteins. Due to the importance and large number of biosen‐
sors  based  on  enzymes,  these  have  been  given  their  own  classification  [85].
Microorganisms offer a form of bioreceptor that often allows a whole class of compounds
to be monitored. Generally these microorganism biosensors rely on the uptake of certain
chemicals into the microorganism for digestion. Often, a class of chemicals is ingested by
a microorganism, therefore allowing a class-specific biosensor to be created. Microorgan‐
isms such as bacteria and fungi have been used as indicators of toxicity or for the meas‐
urement of specific substances. For example, cell metabolism (e.g., growth inhibition, cell
viability, substrate uptake), cell respiration or bacterial bioluminescence have been used to
evaluate the effects of toxic heavy metals [85].

A microbial biosensor has been developed for the monitoring of short-chain fatty acids in
milk [86]. Arthrobacternicotianae microorganisms were immobilized in a calciumalginate gel
on an electrode surface. By monitoring the oxygen consumption of the Anthrobacter electro‐
chemically, its respiratory activity could be monitored, thereby providing an indirect means
of monitoring fatty acid consumption.

6. Quantitative detection of protein binding to the solid surface

Proteins adsorb in differing quantities, densities, conformations, and orientations, depend‐
ing on the chemical and physical characteristics of the surface [87]. Protein adsorption is a
complex process involving van der Waals, hydrophobic and electrostatic interactions, and
hydrogen bonding. Although surface-protein interactions are not well understood, surface
chemistry has been shown to play a fundamental role in protein adsorption. Moreover, the
properties of protein over-layers can be altered by the underlying chemistry, which directly
impinges on control of conformation and/or orientation [88].

During the past decade substantial progress has been made in understanding the mecha‐
nism of protein adsorption. Authors have reported a numerous of techniques, e.g. QCM [89,
90], surface plasmon resonance (SPR) [91,92], ellipsometry [91], FTIR [93], atomic force mi‐
croscopy (AFM) [94].

6.1. Quartz crystal microbalance measurements

QCM (Quartz Crystal Microbalance, Fig. 7) technology enables studies of molecular interac‐
tions by measuring the weight of the molecules, much like a very sensitive scale or balance.
When molecules are added to or removed from the sensor surface, it is detected as a change
in the oscillation frequency of the sensor crystal; the change in resonance frequency is corre‐
lated to the change in mass on the surface. QCM technology does not have the same limita‐
tions with regard to surface proximity as other biosensor technologies, making it possible
for the instrument to measure binding to large structures such as cells.
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Figure 7. Quartz Crystal Microbalance - equivalent mechanical model; mass (M),a compliance (Cm), and a resistance.
(rf). The compliance represents energy stored during oscillation and the resistance represents energy dissipation dur‐
ing oscillation

The method is very useful for monitoring the rate of deposition in thin film deposition sys‐
tems under vacuum. In liquid, it is highly effective at determining the affinity of molecules
(i.e. proteins) to surfaces functionalized with recognition sites. Larger entities such as virus‐
es or polymers are investigated, as well. QCM has also been used to investigate interactions
between biomolecules.

Upon protein adsorption to the crystal surface,  the oscillatory motion of the crystal was
dampened, causing a decrease in the resonant frequency. The frequency shift of the QCM
is due to a change in total coupled mass, including water interaction within the protein
layer. The Sauerbrey  equation relates the measured frequency shift (Δf) and the adsorbed
mass (m) [95].
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where

• f0 – Resonant frequency (Hz)

• Δf – Frequency change (Hz)

• Δm – Mass change (g)

• A – Area between electrodes (cm2)

• ρq – Density of quartz (ρq = 2.648 g/cm3)

• µq – Shear modulus of quartz (µq = 2.947 x 1011 g/cm.S2)
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The sensor can be used for the direct, marker-free measurement of specific interactions be‐
tween immobilized molecules and analytes in solution. Binding of a soluble analyte to the
immobilized ligand causes a shift in the resonance frequency, and this signal can be record‐
ed using a frequency counter with high resolution. This method, despite its existence for
four decades, has only recently been developed for immunological measurements in a flow
through system [96].

In contrast to the optical techniques, which are not sensitive to water associated with adsor‐
bed proteins, the f-shift of the QCM is due to the change in total coupled mass, including
hydrodynamically coupled water, water associated with the hydration layer of e.g. proteins
and/or water trapped in cavities in the film [89].

A recent extension of the technique, called QCM-D, to simultaneously measure changes in
the frequency, Δf, and in the energy dissipation, ΔD, of the QCM provides new insight into
e.g. protein adsorption processes [89] as well as other surface-related processes.

6.2. Surface plasmon resonance

Surface plasmon resonance (Figure 8) can be applied as a convenient, sensitive and label-
free technique to study various surface phenomena. SPR is a surface sensitive, spectroscopic
method which measures change in the thickness or refractive index of biomaterials at the in‐
terface between metal surfaces, usually a thin gold film (50–100 nm) coated on a glass slide,
and an ambient medium. In SPR the test proteins are immobilized on a gold-surface, unla‐
belled query protein is added, and change in angle of reflection of light caused by binding of
the probe to the immobilized protein is measured to characterize biomolecular interactions
in the real-time [97].

Figure 8. Surface Plasmon Resonance
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SPR has been used for many biomedical, food and environmental applications [98]. In exam‐
ple, Hiep et al. [99] developed a localized SPR immunosensor for detection of casein allergen
in raw milk. There was also generated a unique SPR-based microarray using natural glycans
for rapid screening of serum antibody profiles [100]. SPR microarrays was utilized in combi‐
nation with HT antibody purification technologies for rapid and proper affinity ranking of
antibodies [101]. SPR-based biosensors are in great demand as they provide label-free, real-
time detection of the biomolecular interactions.

6.3. Ellipsometry

Ellipsometry (ELM, Fig. 9) is an optical method that has been used extensively for protein
adsorption studies. The method is based on the change upon protein adsorption of the state
of polarization of elliptically polarized light reflected at a planar surface. From the changes
in the ellipsometric angles (Δ, ψ), the refractive index and the thickness, morphology or
roughness of the surface of layers can be deduced and used to determine e.g. the amount of
adsorbed protein on a surface. Since the refractive index of adsorbed protein films is always
close to n=1.5, which the film thickness can be calculated with quite good accuracy [102].
Moreover, the clear advantage of this technique is that the proteins under investigation re‐
quire no chemical treatments with markers etc. before use. Also, the measurement proce‐
dure is quite fast (on the order of a few seconds).
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Figure 9. Ellipsometry setup

Since ellipsometry can be performed on most reflective substrates it can be easily conducted
on an electrode surface and combined with electrochemistry. The ellipsometry and electro‐
chemical methods have been used to study protein adsorption on metal surfaces and specifi‐
cally human serum albumin on gold surfaces [103]. Chronoamperometry and ellipsometry
were combined for the study of immunosensor interfaces based on methods of Immunoglo‐
bulin G adsorption onto mixed self-assembled monolayers [104]. The combined imaging el‐
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on an electrode surface and combined with electrochemistry. The ellipsometry and electro‐
chemical methods have been used to study protein adsorption on metal surfaces and specifi‐
cally human serum albumin on gold surfaces [103]. Chronoamperometry and ellipsometry
were combined for the study of immunosensor interfaces based on methods of Immunoglo‐
bulin G adsorption onto mixed self-assembled monolayers [104]. The combined imaging el‐
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lipsometry with electrochemistry have been employed to investigate the influence of
electrostatic interaction on fibrinogen adsorption on gold surfaces [105].

6.4. Atomic force microscopy

Since its invention atomic force microscopy (AFM) has been a useful tool for imaging a wide
class of biological specimens such as nucleic acids, proteins, and cells at nanometer resolu‐
tion in their native environment [106]. AFM can also be applied to measure intermolecular
force based on the deflection signal of the AFM probe (cantilever) caused by the force be‐
tween the cantilever modified with a molecule of interest and a complementary molecule
immobilized on a substrate.

Atomic force microscopy (AFM) is a very high-resolution type of scanning probe microsco‐
py, with demonstrated resolution on the order of fractions of a nanometer, more than 1000
times better than the optical diffraction limit. Because the atomic force microscope relies on
the forces between the tip and sample, knowing these forces is important for proper imag‐
ing. The force is not measured directly, but calculated by measuring the deflection of the
lever, and knowing the stiffness of the cantilever. Hook’s law gives:

  F kz= - (2)

where F is the force, k is the stiffness of the lever, and z is the distance the lever is bent.

The major advantage of AFM is to carry out measurements on non-conducting substrates,
and to determine particle height as well, with atomic level precision and flexibility [107].
AFM is a useful device not only to trace topography of biological samples with molecular
resolution under physiological conditions but also to study the interaction force between
bio-molecular pairs and the mechanical properties of proteins at the single molecular level
[108]. Moreover, the AFM is used as a manipulator to obtain DNA from chromosomes [109],
or mRNA from local regions of living cells [110].

Figure 10. AFM image of immobilized invertase in LS lipid-like film; left – pure lipid film, right – hybrid protein film. All
images are 3 µm x 3 µm [17]
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Several measurements of the intermolecular force produced by biomolecular interaction
were reported, i.e. the AFM surface topography of phospholipids LB films have shown a
smooth surface. In presence of protein in LB film well-defined structures were observed,
characterized by domains, globules, grains with different diameters. The images indicates
that both enzyme molecules are not only properly entrapped in the composite membrane
but also well exposed at the surface, which can be clearly seen in Figure 10. The recorded
images show a relatively high homogeneity of the topography, especially in case of lipid
film [17].

7. Prospects and future trends

The advances observed in the areas of biochemistry, chemistry, electronics and bioelectron‐
ics will markedly influence future of biosensor production. Progresses in biosensors technol‐
ogy focus on two main aspects: transducer technology development and sensing element
development [111]. New improved detection systems developed under the areas of micro‐
electronics or even nanoelectronics can be used in biosensors. However, since biosensor sen‐
sitivity and selectivity depend basically on the properties of the biorecognition elements, a
crucial aspect in future biosensors is the development of improved molecular recognition el‐
ements. In this respect, biotechnology and genetic engineering offer the possibility of tailor
binding molecules with predefined properties

According to fact, that miniaturization of devices as well as multi-sensor arrays are expected
to have a marked impact in biosensors technology, the use of thin film methods for prepara‐
tion of the recognition layers provides a simple procedure for the functionalization of elec‐
trode surfaces using nanogram amounts of material. Different techniques can give either
highly ordered or amorphous film, ensured a high level of control of the environment and
often resemble the environment found inside biomembranes, thereby guaranteed the stabili‐
zation of biomolecules. Biosensors produced using these layer technologies can display high
sensitivities, be easily interrogated using electronic, optical or mass-sensitive techniques, can
often be regenerated and display good stability.

Another current trend is the combination of physics and biology in the creation of new
nanostructures. Nanotechnology comprises a group of emerging techniques from physics,
chemistry, biology, engineering and microelectronics that are capable of manipulating mat‐
ter at nanoscale. This novel technology bridges materials science, and biochemistry/chemis‐
try, where individual molecules are of major interest [112]. Inspired by nature, molecular
self-assembly has been proposed for the synthesis of nanostructures capable to perform
unique functions. According to that, novel tools that combine different sensing methods can
provide also the necessary complementary information that is needed to understand the
limitations and to optimize the performance of the new techniques. Therefore, introducing
existing methods (e.g., SPR, QCM, ellipsometry) allow parallel complementary investiga‐
tions of the biochemical processes that take place at the interface between the devices and
the biological sample.
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At present, biosensor research is not only driving the ever-accelerating race to construct
smaller, faster, cheaper and more efficient devices, but may also ultimately result in the suc‐
cessful integration of electronic and biological systems. Thus, the future development of
highly sensitive, highly specific, multi-analysis, nanoscale biosensors and bioelectronics will
require the combination of much interdisciplinary knowledge from areas such as: quantum,
solid-state and surface physics, biology and bioengineering, surface biochemistry, medicine
and electrical engineering. Any advancement in this field will have an effect on the future of
diagnostics and health care.
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1. Introduction

The unprecedented interest in the development and exploitation of analytical devices for
detection, quantification and monitoring of specific chemical species has led to the emergence
of biosensors. Electrochemical biosensors have gained ever-increasing acceptance in the field of
medical diagnostics,  health care, environmental monitoring, and food safety due to high
sensitivity, specificity, and ability for real-time analysis coupled with speed and low cost and
polymers are promising candidates that can facilitate a new generation of biosensors [1-7]. A
biosensor is a device having a biological sensing element either intimately connected to or
integrated within a transducer. The aim is to produce a digital electronic signal, which is
proportional to the concentration of a specific chemical or set of chemicals (Fig. 1). A definition
of biosensor is proposed by IUPAC as: “a self-contained integrated device, which is capable of
providing specific quantitative or semi-quantitative analytical information using a biological
recognition element (biochemical receptor), which is retained in direct spatial contact with a
transducer element.” The life time of the enzyme electrode, the rate of electron transfer be‐
tween the enzymatic redox reaction and electrode, and the miniaturization of enzyme elec‐
trode are some of the critical points appeared as central to this interdisciplinary research.
Biosensor has been pursued extensively in a wide range for their unparalleled selectivity and
mild reaction conditions. As a coin has two sides, enzymes which are the key biological
recognition element are usually costly and easy to inactivate in their free forms. The immobili‐
zation of enzymes is the main approach to optimizing the in-service performance of an en‐
zyme, particularly in the field of non-aqueous phase catalysis. However, the immobilization
process for enzymes will inevitably result in some loss of activity, improving the activity retention
of the immobilized enzyme is critical. To some extent, the performance of an immobilized enzyme
is mainly governed by the supports used for immobilization, thus it is important to fully
understand the properties of supporting materials and immobilization processes [8-10]. The
properties of immobilized enzymes are governed by the properties of both the enzyme and the
support material. The interaction between the two lends an immobilized enzyme specific
physico-chemical and kinetic properties that may be decisive for its practical application, and
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thus, a support judiciously chosen can significantly enhance the operational performance of the
immobilized system. It is widely acknowledged that analytical sensing at electrodes modified
with polymeric materials results in low detection limits, high sensitivities, lower applied
potential, good stability, efficient electron transfer and easier immobilization of enzymes on
electrodes. In recent years, there has been growing concern in using polymeric materials as
supports for their good mechanical and easily adjustable properties [11]. Of the many carriers
that have been considered and studied for immobilizing enzymes, conducting polymer (CP),
redox polymer (RP), sol-gel and hydrogel materials, chitin and chitosan are of interest in that
they offer most of the above characteristics [12, 13].

The proper use of different compositions of binder and immobilization matrix, electron transport
mediators,  biomaterials  and biocatalysts,  and solid supports  as electron collectors in the
construction of enzyme electrode is critical to generate optimum current from the enzymatic
redox reactions. In essence, design and fabrication of advanced materials coupled with good
understanding of their behaviors when incorporated as interfacial or transducer elements would
be of paramount importance. The recent advancement of polymer materials is greatly influenc‐
ing the redox reactions and electron transport kinetics of the enzyme electrodes. To achieve high
specificity, high sensitivity, rapid response and flexibility of use, it is clear that the research
continues to focus on new assembly strategies.  Polymers are becoming inseparable from
biomolecule immobilization strategies and biosensor platforms. Their original role as electri‐
cal insulators has been progressively substituted by their electrical conductive abilities, which
opens a new and broad scope of applications. This chapter highlights recent contributions in the
incorporation of promising polymeric materials within biosensors, special emphasis was placed
on different classes of polymeric materials such as nanomaterials, sol-gel and hydrogel materials,
conducting polymers, functional polymers and biomaterials that have been used in the design
of sensors and biosensors. We want to remind our readers that this chapter is not intended to
provide comprehensive coverage of electrochemical biosensor development but rather to
provide a glimpse of the incorporation of polymers within biosensors. These materials have
attracted much attention to their potentials for interesting applications, broad applicability as
well as tunable properties according to applications needs. In addition, the critical issues related
to the fabrication of enzyme electrodes and their application for biosensor applications are also
highlighted in this article. Effort has been made to cover the recent literature on the advance‐
ment of  polymers to develop enzyme electrodes and their  potential  applications for  the
construction of biosensors [14-15].

Analyzerbioreceptor signal transducer

electric signalpH change
electroactive substance

light
mass change

Figure 1. Principle of biosensor
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2. Construction of enzyme-based biosensors

2.1. Immobilization methods of enzyme for biosensors

Enzyme immobilization is one of the most important subjects for any enzyme-based biosensor
research. Considerable efforts have been invested in this topic for a number of years [16-18].
The biosensing process of the immobilized enzyme is regarded as a heterogeneous phase
reaction; thus, the main consideration for enzyme immobilization is to achieve stable and high
enzymatic activity with low mass-transfer resistance. Enzymes electrodes have the longest
tradition in the field of biosensors. They are one of the most intensely investigated biosensors
due to highly selective and fast response. One of the key factors in developing a reliable
biosensor is the immobilization of enzymes at transducer surfaces. The method of enzyme
immobilization plays an important role on the performance of an enzyme electrode, such as
lifetime, linear range, sensitivity, selectivity, response time, stability and anti-interferent.

Enzymes may be immobilized by a variety of methods (Fig. 2), which may be broadly classified
as physical approaches and chemical approaches. To the physical methods belong: (i) physical
adsorption on a water-insoluble matrix based on hydrophobic, electrostatic and van der Waals
attractive forces; (ii) entrapment enzyme in sol-gel, or hydrogel, or a paste, confined by semi-
permeable membranes; (iii) microencapsulation with a solid membrane; (iv) encapsulation,
containment of an enzyme within a membrane reactor; (v) formation of enzymatic Langmuir-
Blodgett films or self-assemble monolayer which are the spontaneous and uninstructed
structural reorganizations that form from a disordered system.

The chemical immobilization methods include: (i) covalently binding enzyme to support
materials immobilizing enzyme into a membrane matrix or directly onto the surface of the
transducer; (ii) crosslinking enzyme employing a multifunctional, low molecular weight
reagent based on the formation of strong covalent binding between the transducer and the
biological material using a bifunctional agent and (iii) electrochemical polymerization based
on electrochemical oxidation of a given monomer from a solution containing the enzyme
obtaining a conducting or non-conducting polymer layer and (iv) Micelle: The molecule must
have a strongly polar/ hydrophilic "head" and a non-polar/hydrophobic "tail". When this type
of molecule is added to water, the hydrophilic head of the molecule presents itself for inter‐
action with the water molecules on the outside of the micelle, and the hydrophobic tails of the
molecules clump into the center of a ball like structure, called a micelle. Enzyme micelle
membrane presented here is an innovative way and will be a well-developed biosensor
technology to provide rapid and reliable measurements of food, water pollution and clinical
analysis.

2.2 Recent development of biosensor researches

Electrochemical biosensors are the oldest and most widely available group in the solid-state
chemical sensor field. Electrochemical sensors provide a crucial analytical tool as demand for

Polymers for Biosensors Construction
http://dx.doi.org/10.5772/54428

69



sensitive, rapid, and selective determination of analytes increases. Over the past two decades
we have witnessed a tremendous amount of activity in the area of biosensors. Enzyme based
electrodes require the immobilization of an enzyme onto an electrode surface for the quanti‐
fication of an analyte and hold a leading position among biosensor systems presently available.
Biosensors have found promising applications in various fields such as biotechnology, food
and agriculture product processing, health care, medicine and pollution monitoring. Recent
development has focused on improving the immobilization and stability of the enzymes. There
have been a number of recent review articles that have focused on the development of various
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Figure 2. Illustration of enzyme immobilization methods
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materials, techniques, and applications of biosensors [19-24]. Since there have been a wealth
of biosensor developments in the past years, new approaches and materials for enzyme based
sensors have been primarily focused. Strategies for incorporating materials to enhance speed,
sensitivity, and stability of these sensors has been of particular interest. Major advancements
in biosensors revolve around immobilization and interface capabilities of the biological
material with the electrode. The use of polymer and nanomaterials has provided a means for
increasing the signal response from these types of sensors. Moreover, the combination of
various nanomaterials into composites in order to explore their synergistic effects has become
an interesting area of research. The ability to incorporate biomaterials with the potential for
direct electron transfer is another growing research area in this field [25-31]. In general, we
believe that the field of electrochemical sensors will focus on the incorporation and interaction
of unique materials, both nano and biological, in the coming years.

3. Polymers coating in biosensors

Enzyme immobilization using supports have been of great interest for many researches.
Various supporting films on electrode surface have been developed to immobilize proteins or
enzymes and many polymeric materials were used for enzyme immobilizations. Polystyrene
(PS) membrane is a very promising support for the immobilization of enzymes due to its
excellent biocompatibility, no toxicity, high affinity, strong adsorption ability, low molecules
permeability, physical rigidity and the chemical inertness in biological processes. Its molecular
structure is shown in Fig. 3. It is popular for the immobilization in enzyme-linked immuno‐
sorbent assays (ELIA) by adsorption, however, and few methods for immobilizing proteins
on the PS surface by covalent bonding have been proposed, because the complicated multi-
step methods must be employed for introduction of functional groups that react with proteins
and their procedures are tedious and time consuming. In order to solve the difficulty of
introduction of functional groups, we adopted polymaleimidostyrene (PMS) to introduce
maleimide group in the bulk of PS, and the coating of enzyme containing PS membrane on the
electrode surface under mild conditions opens up enormous possibilities for the immobiliza‐
tion of biomolecules [32-40].

Figure 3. Molecular structure of polystyrene
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The interferents and biofouling are two major problems which can affect the performance of
a biosensor. Interference from electroactive substances is especially problematic when
electrochemical measurements are being made in vivo. Biocompatible membranes are
preferable both as a selective barrier as well as for enhancing biocompatibility within electro‐
chemical biosensors [41]. The cellulose acetate layer permits only small molecules, such as
hydrogen peroxide to reach the electrode, eliminating many electrochemically-active com‐
pounds that could interfere with the measurement. Fig. 4 depicts the molecular structure of
cellulose.
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Nafion, a perfluorinated sulfonated cation exchanger (see Fig. 5), has been widely used as an
electrode modifier due to the chemical inertness, thermal stability, mechanical strength, and
antifouling properties. Nafion coated electrodes have been applied in the analysis of phenol,
for the determination of parathion [42, 43]. Nafion has also been widely utilised as a coating
material. The polymer displays the advantages of being chemically inert and easily cast from
solution. The polymer is anionic and upon casting forms a structure with hydrophilic channels
contained within a hydrophobic matrix. Films formed from this material are reasonably robust,
show strong exclusion of anionic interferents and display enhanced biocompatibility.

As functional materials, chitin and chitosan offer a unique set of characteristics: biocompati‐
bility, biodegradability to harmless products, nontoxicity, physiological inertness, antibacte‐
rial properties, heavy metal ions chelation, high affinity to proteins, gel forming properties
and hydrophilicity, remarkable affinity to proteins, availability of reactive functional groups
for direct reactions with enzymes and for chemical modifications, mechanical stability and
rigidity, and ease of preparation in different geometrical configurations that provide the
system with permeability and surface area suitable for a chosen biotransformation [44]. Owing
to these characteristics, chitin and chitosan offer a unique set of these characteristics and are
predicted to be widely exploited in the near future especially in enzyme immobilization
supports. The most distinguishing chitosan properties are its biodegradability and biocom‐
patibility, which makes it a green polymer. The increasing importance of materials from
renewable sources has put chitosans in the spotlight, especially due to their biological
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properties, which have been exploited in many applications [45, 46]. The molecular structure
of chitin and chitosan are shown in Fig. 6 and Fig. 7, respectively.

4. Polymaleimidostyrene in biosensors

Polymers are becoming inseparable from biomolecule immobilization strategies and biosensor
platforms. Their original role as electrical insulators has been progressively substituted by their
electrical conductiveabilities, which opens a new and broad scope of applications in both the
physical adsorption and chemical coupling methods, protein molecules are immobilized on the
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surface with random orientations and are likely to be denatured. In order to increase the lifetime
stability of enzyme electrode, it is necessary that there should be a strong and an efficient bonding
between the enzymes and immobilizing material. Hence, covalent binding of enzyme on a
stabilizer or on the transducer is an efficient method of immobilization. Recently, we have
developed an advanced design and preparation of enzyme-based amperometric biosensors using
enzyme reverse micelle membrane, as well as the functional structure and principle. Particular
emphasis is directed to the discussion and exploration of electrochemical biosensors based on
novel functional polymer, polymaleimidostyrene (PMS), as effective immobilization stabilizer
as support. It can be expected to be a common method for the immobilization of enzymes to fabricate
various bioelectrochemical sensors [32-40].

4.1. Synthesis, structure and properties

PMS which is a polymerization of N-4-vinylphenyl maleimide (N-VPMI) is a new type of polymer
mixible with polystyrene (PS). It was synthesized by Prof. Hagiwara’s group in 1991 [34]. The
compound was prepared by a modified method for synthesis of N-phenylmaleimide (N-
PMI). N-VPMI purified by recrystallization was used as a monomer after thoroughly dried below
20 ℃ under reduced pressure. Polymerization was started by the addition of a tetrahydrofur‐
an (THF) solution of initiator to the monomer solution at a determined temperature with stirring.
The synthesis scheme and the molecular structure of PMS are depicted in Scheme. 1.

PMS possesses two polymerizable carbon-carbon double bonds with different reactivities, one
of which is the vinylene group of the maleimide moiety and the other the vinyl group of the
styrene moiety. The vinylene groups of a maleimide moiety react easily with sulphydryl or
amino groups of enzyme by covalent bonds which prevent the unfolding of enzyme. PMS is
a very effective, important and useful reagent to immobilize enzyme strongly via covalent
bond, because high density of maleimide groups of PMS can catch not only exposed SH groups
but also buried SH groups forming enzyme micelles [35−36]. To model the enzyme micelle
structure, an illustration is displayed in Fig. 8. The hydrophobic PMS groups are outside the
structure shielding the hydrophilic enzyme inside the interior. Therefore, the structure is
named as reverse micelle. The reverse micelle structure tends to evolve to a lower-energy
configuration under equilibrious conditions.

O

HO

HO

OH

NH2

O

O

HO

OH

NH2

O

HO

O

OH

NH2

OH

n

Figure 7. Molecular structure of chitosan

State of the Art in Biosensors - General Aspects74



surface with random orientations and are likely to be denatured. In order to increase the lifetime
stability of enzyme electrode, it is necessary that there should be a strong and an efficient bonding
between the enzymes and immobilizing material. Hence, covalent binding of enzyme on a
stabilizer or on the transducer is an efficient method of immobilization. Recently, we have
developed an advanced design and preparation of enzyme-based amperometric biosensors using
enzyme reverse micelle membrane, as well as the functional structure and principle. Particular
emphasis is directed to the discussion and exploration of electrochemical biosensors based on
novel functional polymer, polymaleimidostyrene (PMS), as effective immobilization stabilizer
as support. It can be expected to be a common method for the immobilization of enzymes to fabricate
various bioelectrochemical sensors [32-40].

4.1. Synthesis, structure and properties

PMS which is a polymerization of N-4-vinylphenyl maleimide (N-VPMI) is a new type of polymer
mixible with polystyrene (PS). It was synthesized by Prof. Hagiwara’s group in 1991 [34]. The
compound was prepared by a modified method for synthesis of N-phenylmaleimide (N-
PMI). N-VPMI purified by recrystallization was used as a monomer after thoroughly dried below
20 ℃ under reduced pressure. Polymerization was started by the addition of a tetrahydrofur‐
an (THF) solution of initiator to the monomer solution at a determined temperature with stirring.
The synthesis scheme and the molecular structure of PMS are depicted in Scheme. 1.

PMS possesses two polymerizable carbon-carbon double bonds with different reactivities, one
of which is the vinylene group of the maleimide moiety and the other the vinyl group of the
styrene moiety. The vinylene groups of a maleimide moiety react easily with sulphydryl or
amino groups of enzyme by covalent bonds which prevent the unfolding of enzyme. PMS is
a very effective, important and useful reagent to immobilize enzyme strongly via covalent
bond, because high density of maleimide groups of PMS can catch not only exposed SH groups
but also buried SH groups forming enzyme micelles [35−36]. To model the enzyme micelle
structure, an illustration is displayed in Fig. 8. The hydrophobic PMS groups are outside the
structure shielding the hydrophilic enzyme inside the interior. Therefore, the structure is
named as reverse micelle. The reverse micelle structure tends to evolve to a lower-energy
configuration under equilibrious conditions.

O

HO

HO

OH

NH2

O

O

HO

OH

NH2

O

HO

O

OH

NH2

OH

n

Figure 7. Molecular structure of chitosan

State of the Art in Biosensors - General Aspects74

HC CH2

CHHC

N OO
polymerization

C C
H

CHHC

N OO

N-VPMI poly(N-VPMI), PMS

Scheme 1. Synthesis of polymaleimidostyrene

N
HC CH2

O O

C
H

H2
C n

NHC

H2
C

O

O

CH
H2C

n

N
C
H

H2C

O

O
CH
CH2

n

N

HC
CH2

O

O
HC

H2C

n

N

H
C

CH2

O

O

HC
CH2

n

N

CHH2C

OO

H
C

H2
C

n

N

CH
H2C O

O

CH
CH2

n

N
CH

C
H2

O

O

HC
CH2n

Figure 8. Illustration of enzyme reserve micelle in polystyrene film

Polymers for Biosensors Construction
http://dx.doi.org/10.5772/54428

75



Although, it should be mentioned that the free enzyme exists in the outer surface of micelle
may lose its activity due to the hydrophobility of chloroform reagent, which was used to
dissolve PS and PMS, thus there is partly loss of enzyme activity during the immobilization,
the strong adsorption ability of PS membrane makes the enzyme micelle based biosensors
particularly attractive for on-line analytical systems which need high stability and good
endurability due to the long-time and continuous determinations in a flow system during
experimentation.

Furthermore, PMS exhibits a strong affinity specific to a variety of hydrophobic materials such
as polystyrene, polyethylene and polyetheretherketone due to the styrene moiety. Then PMS
is considered to be an ideal stabilizer for both covalent bonding enzyme and hydrophobic
affinity to PS film [30−32]. The application of PMS as a convenient immobilization reagent is
summarized in table 1. PMS appears to be effective and promising for the maintenance of
biological activity as well as long time stability.

4.2. Application of PMS to biosensors

It has been found that the urease reverse micelle membrane exhibits good sensitivity after
stored in a phosphate buffer solution (0.1 M, PH 5.5) for one month compared with its initial
sensitivity. The ideal immobilization process should be easy, quick, and enzyme friendly,
result in high loading surface. In our previous study, enzyme micelle membrane, which is one-
step immobilization, has been proved to be an excellent immobilization method to preserve
enzyme conformation resulting in good activity and stability. To form enzyme micelle,
hydrophilic PMS covalently bonded-enzyme (via both exposed and buried sulfhydryl groups
and amino groups of enzyme and maleimide groups of PMS) was dispersed in hydrophobic
PS solution. PMS-bonded enzyme aggregated to form micelle with enzyme inside the structure
and PMS outside. The enzyme micelles were immobilized on the surface of glassy carbon
electrode (GCE) utilizing PS, which has admirable properties of biocompatibility and strong
adsorption ability. PMS also possess good biocompatibility, the PMS-bonded enzyme exhibits
good activity due to PMS is a significantly excellent stabilizer for enzyme. On the other hand,
it is amazing that the free enzyme exists in the inner part of micelle enhanced the stability of
enzyme. The applications of PMS as a function polymer have been published [34-40] and were
summarized in table 1.

5. Intrinsically conducting polymers in biosensors

5.1. Types, structures and features

It is generally recognized that the modern study of electric conduction in conjugated polymers
began in 1977 with the publication describing the doping of polyacetylene (PA). Conductive
polymers or, more precisely, intrinsically conducting polymers (CPs) having unique conju‐
gated π-electron backbone system, are organic conjugated polymers that conduct electricity
and are one of the more promising biocompatible materials [48]. Professor Alan Heeger along
with Prof. Alan G. MacDiarmid and Prof. Hideki Shirakawa shared the 2000 Nobel Prize in
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Chemistry for their seminal contribution to the discovery and development of conductive
polymers. A substantial account of the electronic properties was studied. From the point of
versatility of synthesis techniques, properties, and broadness of the scope of application, CPs
have raised a great deal of scientific and technological interest and have led the research in
materials science in a new direction. The last comprehensive reviews devoted to CP were
published and are excellent summary of earlier work [49-52].

Since the beginning of conductive polymer research, it has witnessed the emergence of CPs as
an intriguing class of organic macromolecules that offer high electrical conductivity and optical
properties of metals and semiconductors and, in addition, have the processability advantages
and mechanical properties of polymers, in particular, are especially amenable to be further
exploited to develop a new form of electrochemical biosensor either as sensitive components
or as a matrix for providing biomolecule immobilization, signal amplification and for rapid
electron transfer for the fabrication of efficient biosensor devices. A variety of monomers can
be electropolymerised on an electrode surface and under correct conditions form stable
conductive films. Structures of some CPs commonly used in biosensors are described in Fig. 9.

CPs like polypyrrole (PPy), polyaniline (PANI), polythiophene (PT) can be obtained by
electrochemical polymerization either potentiostatically, galvanostatically or by means of
multi-sweep experiments. The thickness of the polymer films can be defined by measuring the
charge transferred during the electrochemical polymerization process and by controlling
parameters like temperature, monomer concentration, polymerization potential or current, as
well as the concentration and nature of the supporting electrolyte. Moreover, CPs films exhibt
interesting properties concerning the decrease of the influence of interfering compounds due
to their size-exclusion and ion-exchange characteristics.

The π-electron backbone which is an extended conjugated system having single and double
bonds alternating along the polymer chain is responsible for their unusual electronic properties

Electrode

configuration
Enzyme PH

Potential

(V)

Linear

range

Response

time (min.)

Stability

(days)
Ref.

OE/PCS
GOD 5.50 0.1− 3.0 mM 12 < 5 36

ASOD 7.00 −0.7 0 − 1.5 mM 4 150 35

AGCE/PCS Urease 7.00 1.2 0.5 − 21 mM < 10 3 37

Gold/ERMM Uricase 8.5 −0.7 0.005 – 0.105 mM < 1 7 39

AGCE/ERMM

ASOD 5.50 −0.30 0.01 −0.6mM < 1 15 38

GOD 6.50 −0.45 0.2 − 2.6 mM < 2 "/> 60 40

Urease 7.00 1.2 0.5 − 16 mM < 10 "/> 60 34

OE: oxygen electrode; PCS: porous carbon sheet; AGCE: aminated glassy carbon electrode; ERMM: enzyme reverse micelle
membrane; GOD: glucose oxidase; ASOD: ascorbate oxidase.

Table 1. Amperometric sensors using PMS as a stabilizer
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such as electrical conductivity, low energy optical transitions, low ionization potential and
high electron affinity [53]. Scientists from many disciplines are now combining expertise to
study organic solids that exhibit remarkable conducting properties. A key requirement for a
polymer to become intrinsically electrically conducting is that there should be an overlap of
molecular orbitals to allow the formation of delocalized molecular wave function. Besides this,
molecular orbitals must be partially filled so that there is a free movement of electrons
throughout the lattice [54]. The electronic conductivity of conducting polymers changes over
several orders of magnitude in response to changes in pH and redox potential of their
environment. The electrical properties can be fine-tuned using the methods of organic
synthesis and by advanced dispersion techniques. Polymeric material containing interesting
electrical properties is a step forward for research in materials. CPs has the ability to efficiently
transfer electric charge produced by the biochemical reaction to electronic circuit. Moreover
CPs can be deposited over defined areas of electrodes. The study of unique property of CPs
has resulted in fundamental insights into the understanding of the chemistry and physics of
this novel class of materials, and it has been exploited for the fabrication of amperometric
biosensors.

5.2. Application of CPs in biosensors

Polymers are being discarded for their traditional roles as electric insulators to literally take
charge as conductors with a range of novel applications. The electronic CPs has an organised
molecular structure on metal substrates, which serves as proper and functional immobilizing
platforms for biomolecules. These matrices provide a suitable environment for the immobili‐
zation and preserve the activity for long duration. This property of the conducting polymer
together with its functionality as a membrane has provided opportunities to investigate the
development of biosensors. Application of organic CPs in biosensors has recently aroused
much interest as potential candidates to enhance speed, sensitivity and versatility for electro‐
chemical biosensors due to their easy preparation methods along with attractive unique
properties such as high stability at room temperature, good conductivity output and facile
polymerization and being compatible with biological molecules in a neutral aqueous solution.
Moreover, the CP film provides a suitable environment for the immobilization of biomolecules.
Thus, CPs have been studied extensively for the development of biosensors. The electrochem‐
ically prepared conducting polymers used for the biomolecule immobilization are polyacety‐
lene (PA), polypyrrole (PPy), polythiophene (PT), polyaniline (PANI) etc because of their good
electrical properties, environmental stability. Many applications of conducting polymers
including analytical chemistry and biosensing devices have been reviewed by various
researchers [55, 56].

Enzyme immobilization onto the electrode surface is a crucial step in assembling amperometric
biosensors. The CPs have attracted much interest as suitable matrices for biomolecules due to
that the extended conjugation along the polymer backbone provides unusual electrochemical
properties such as low energy optical transitions, high electrical conductivity, low ionization
potential, high electronic affinities. Polymer matrices can be used either in the sensing
mechanism or in the immobilization of the bioelement responsible for sensing the analyte. The
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empolyment of promising CPs in electron transfer as an appropriate surface for enzyme
immobilization provides rapid response encourages the coexistences of biomolecules and
raises the stability of the biosensors. Numerous papers have been published indicating organic
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Figure 9. Structures of some conducting polymers commonly used in biosensors.
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CPs as a convenient component, forming an appropriate environment for the immobilization
of enzyme at the electrode surface. Stable immobilization of macromolecular biomolecules on
conducting microsurfaces with complete retention of their biological recognition properties is
a crucial problem for the commercial development of miniaturized biosensor. Most of the
conventional procedure for biomolecule immobilization such as cross-linking, covalent
binding and entrapment in gels or membrane suffer from a low reproducibility and a poor
spatially controlled deposition.

Due to that CPs have considerable flexibility in the available chemical structure, which can be
modified as required, CPs have attracted much interest to serve as good matrices for the
immobilization of enzymes. The techniques of incorporating enzymes into electro-depositable
conducting polymeric films permit the localization of biologically active molecules on
electrodes of any size or geometry and are particularly appropriate for the elaboration of multi-
analyte micro-amperometric biosensors. Another advantage offered by CPs is that the
electrochemical synthesis allows the direct deposition of the polymer on the electrode surface,
while simultaneously trapping the protein molecules. In addition, the electrochemically
prepared CPs can be grown with controlled thickness using lower potential and they also
provide an excellent enzyme-entrapping property. The polymerization through electrochem‐
ical oxidation provides greater control over the process and enables control over the thickness
of the polymer layer and even small electrode substrate to be coated. This technique offers a
suitable way to make a homogeneous film that adheres strongly with the electrode surface.

Another important advantage of using CPs is that the biomolecules can be immobilized onto
the nanowire structure in a single step rather than the multiple steps that are required when
other non-polymeric materials are used. Nanostructured conjugated polymers and their
nanocomposites represent new advanced materials that are key issues for the development of
new devices and structures offering the association of the various properties required in
advanced applications. As conducting polymer nanomaterials are light weight, have large
surface area, adjustable transport properties, chemical specificities, low cost, easy processing
and scalable productions, they are used for applications in nanoelectric devices, chemical and
biological sensors [57]. There are extensive studies in the literature concerning the synthesis,
characterization, and application of these CPs.

Among the CPs, PPy is one of the most extensively used conducting polymers in design of
bioanalytical sensors. PPy and its derivatives play a leading role due to several interesting
properties such as electroactivity, ionic exchange properties, supercapacitors for energy
storage, secondary batteries, and elastic textile composites of high electrical conductivity, as
well as good stability. PPy have the most versatile applicability for the construction of different
types of bioanalytical sensors. The background presented illustrates that PPy is a very
attractive, versatile material, suitable for preparation of various catalytic and affinity sensors
and biosensors. The immobilization of biologically active molecules into PPy can be obtained
during electrochemical deposition during which either some undesirable electrochemical
interactions can be prevented or the electron transfer from some redox enzymes can be
facilitated. The developments in nano-structured conducting polymers and polymer nano‐
composites have large impact on biomedical research. Significant advances in the fabrications

State of the Art in Biosensors - General Aspects80



CPs as a convenient component, forming an appropriate environment for the immobilization
of enzyme at the electrode surface. Stable immobilization of macromolecular biomolecules on
conducting microsurfaces with complete retention of their biological recognition properties is
a crucial problem for the commercial development of miniaturized biosensor. Most of the
conventional procedure for biomolecule immobilization such as cross-linking, covalent
binding and entrapment in gels or membrane suffer from a low reproducibility and a poor
spatially controlled deposition.

Due to that CPs have considerable flexibility in the available chemical structure, which can be
modified as required, CPs have attracted much interest to serve as good matrices for the
immobilization of enzymes. The techniques of incorporating enzymes into electro-depositable
conducting polymeric films permit the localization of biologically active molecules on
electrodes of any size or geometry and are particularly appropriate for the elaboration of multi-
analyte micro-amperometric biosensors. Another advantage offered by CPs is that the
electrochemical synthesis allows the direct deposition of the polymer on the electrode surface,
while simultaneously trapping the protein molecules. In addition, the electrochemically
prepared CPs can be grown with controlled thickness using lower potential and they also
provide an excellent enzyme-entrapping property. The polymerization through electrochem‐
ical oxidation provides greater control over the process and enables control over the thickness
of the polymer layer and even small electrode substrate to be coated. This technique offers a
suitable way to make a homogeneous film that adheres strongly with the electrode surface.

Another important advantage of using CPs is that the biomolecules can be immobilized onto
the nanowire structure in a single step rather than the multiple steps that are required when
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and scalable productions, they are used for applications in nanoelectric devices, chemical and
biological sensors [57]. There are extensive studies in the literature concerning the synthesis,
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facilitated. The developments in nano-structured conducting polymers and polymer nano‐
composites have large impact on biomedical research. Significant advances in the fabrications
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of nanobiosensors/sensors using nano-structured CPs have been reviewed [58]. Recent
advances in application of PPy in immunosensors and DNA sensors and recent progress and
problems in development of molecularly imprinted PPy have been presented. The use of PPy
in conjunction with bioaffinity reagents has provident to be a powerful route that has expanded
the range of applications of electrochemical detection and its future development is expected
to continue [59].
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properties, its environmental, thermal and electrochemical stability, and its interesting
electrochemical, electronic, optical and electro-optical properties. PANI has gained much
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made to discuss and explore various characteristics of PANI responsible for direct electron
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self-contained electron transfer mediator. In particular, PANI’s transport properties, electrical
conductivity or rate of energy migration, provide enhanced sensitivity. In addition, Nano‐
structures of PANI can offer the possibility of enhanced performance and also helps to
overcome the processibility issues associated with PANI. In a conclusion, the various remark‐
able characteristics of PANI matrix make it a novel platform for fabrication of variety of
biosensors interface.

6. Sol-gel and hydrogel material in biosensors

The terminology sol-gel is used to describe a broad class of processes in which a solid phase
is formed through gelation of a colloidal suspension. A typical hydrogel network involve poly
(vinyl alcohol) (PVA) or poly(acrylic acid) (PAA). Sol-gel is gradually attracting the attention
of the electrochemical community as a versatile way for the preparation of modified electrodes
and solid electrolytes. Sol-gel electrochemistry is rather young, and often researchers are still
excited by the mere feasibility of realizing an application by sol-gel technologies due to its
better processibility, improved diffusion rate, large ion-exchange capacity, fast proliferation
of organic-inorganic hybrids, and other application specific chemical properties. The types of
sol-gel materials that are useful for electrochemistry and the recent advances in the various
fields of sol-gel electrochemistry have been reviewed by a few research groups [62, 63]. The
ease of preparation and the wide ranging flexibility of incorporating desired functionalities by
careful selection and design can be readily applied to different types of electrode materials
without being restricted by electrode shapes and designs, which are suited for the immobili‐
zation of biomolecules. However, sol–gel matrices, despite being also biocompatible, are
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traditional fragile nature, similarly to biological membranes, and suffer from low sensitivity
and reproducibility which hampered their application in biosensor. The organic–inorganic
material prepared by sol–gel method can yield a highly sensitive, robust and stable biosensor.

Hydrogels have also been extensively investigated as coatings support for immobilization of
enzymes. Enzymes can often denature and lose their efficiency; however this effect can be
mitigated by encapsulating it inside a hydrogel, because hydrogel is a type of waterswollen
and cross-linked polymer formed by the gelling process and features a highly hydrophilic
structure of three dimensional networks. And the consequent swelling of the polymer matrix
provides a biocompatible microenviroment for the enzyme to maintain its natural configura‐
tion, thus is an ideal matrix for the massive entrapment of cell and enzyme. Moreover, the
biosensors based on the hydrogel have high sensitivities. Although it exhibits a high affinity
for water, it does not dissolve, and provides sufficient permeability for both solvent and
substrate molecules so that they are capable of diffusing quickly through the water-swollen
polymer which has reasonably high water content. In addition, the external hydrophobic
organic solvent is unable to distort the native conformation of the entrapped enzyme in the
sol-gel, and the hydrogel is soft and of rubbery consistence which closely resemble living
tissues. Consequently, the widely utilised application for hydrogels has been as enzyme
stabilising agents [64-68].

7. Conclusion and future perspectives

Proper electrode fabrication using different materials for efficient electron transport has
recently aroused much interest as a versatile tool for the constructing biosensors. Biosensors
designed employing polymeric materials results in low detection limits, high sensitivities,
lower applied potential, reduction of background, efficient electron transfer and easier
immobilization of enzymes on electrodes. Application of organic CPs in biosensors has
recently aroused much interest as potential candidates to enhance speed, sensitivity and
versatility for electrochemical biosensors due to their easy preparation methods along with
attractive unique properties such as high stability at room temperature, good conductivity
output and facile polymerization and being compatible with biological molecules in a neutral
aqueous solution. However, there are verious of challenges to be addressed in order to fulfill
the applications of polymers. In addition, long laboratory synthetic pathways and costs are
also involved in the production of the functional polymers. The aforementioned disadvantages
of the above polymeric materials call for search for low cost biomaterials as alternative for the
development of novel electrochemical sensors and biosensors. Those focuses towards design‐
ing smart polymers such as nanostructure doped polymers are the most promising for
polymers to be further investigated. By combination of the unique properties of nano-
structured material and various polymers, it is possible to develop novel enzyme-based
bioelectronic devices with particular advantages. In particular, the integration of nanotech‐
nology, with novel polymeric materials should lead to very sensitive and fast assays.
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1. Introduction

“Biological microelectromechanical systems” (BioMEMS) is a special class of Microelectro-
mechanical systems (MEMS) where biological matter is manipulated for analyses and meas‐
ures of its activity, characterisations under any class of scientific study. The BioMEMS-based
devices are an attractive area of development based on microtechnology. The techonolgy
has more exciting developments in the application of MEMS technology in recent decades.
For scientific analysis and measurement, various novel sensor and detection platforms in the
BioMEMS and microfluidic fields are required and have been reported, in addition to basic
components, such as microchannels, micropumps, microvalves, micromixers and microreac‐
tors for flow management at microscopic volumes [1]. Any of the most important applica‐
tions based on BioMEMS are: biomedical and biological analysis and measurements, micro
total analysis systems (µTAS) and lab-on-a-chip systems [2-5], which will give new applica‐
tions in biomedicine and biology, especially the ability to perform point-of-care measure‐
ments. The advantages of such systems are that they can deliver and process the biological
or biomedical samples in microvolumes for testing and analysis in an integrated way there‐
fore dramatically reducing the requirement to the manipulation steps and the samples, and
improving data quality and quantitative capabilities. The BioMEMS technology also helps to
reduce overall cost and time for the measurement. At the same time it improves the sensitiv‐
ity and specificity of the analysis.

To the BioMEMS technology and application, biosensors play a critical role in the process of
information gathering with the technologically advanced development of our civilization,
demand for information. With new applications in the areas – genetics, diagnostics, drug
discovery, environment and industrial monitoring, quality control as well as security and
threat evaluation [6], the need for high throughput label-free multiplexed sensors for biolog‐
ical sensing has increased in the last decade.
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A biosensor is a device for the detection of an analyte that combines a biological component
with a physicochemical detector component [7]. In general, one concept of biological sensors
encompasses two main features in addition to the associated signal processors used for the
display of the results in a user-friendly way: the sensitive biological element which is a
chemically receptive or selective layer, and the transducer or the detector element (it can
work in a physico-chemical way, optical, piezoelectric, electro-chemical, etc.) that transforms
the signal induced by the interaction between the analytes and the biological element into
another more easily measured and quantified signal, Figure 1. The chemical layer provides
specific binding sites for the target analyte of interest, such as molecules, proteins and cells.
To most biological and chemical sensors, sensitivity has been increased tremendously in re‐
cent years, but it still has some deficiency and needs more improvement. The selectivity of
the receptive layer can be designed employing principles of molecular and biomolecular rec‐
ognition; for example antigen-antibody binding (i.e. any chemicals, bacteria, viruses, or pol‐
len binding to a specific protein)[8]. Other surface functionalizations such as self-assembled
monolayer [9, 10] and polymer coatings are also employed. The selectivity is then achieved
by a specific chemical reaction on the functionalized sensor’s surface. However, absolute se‐
lectivity remains a major challenge. In fact, most sensing technologies are faced with the is‐
sue of non-specific interactions which can complicate the sensor response, produce false
positives, and affect the reproducibility and the suitability of the sensor system for a particu‐
lar application. Therefore, the chemical layer must be designed to maximize the sensor’s
sensitivity to the specific response.

Transducer

Selective Layer

Signal
Processor

Transporter 
of analytes

Figure 1. Generalized schematic representation of a biological sensor [11]

Once the analyte is recognized by the chemical layer, the transducer converts the chemical
stimulus into a measurable output signal, as shown in Figure 1. Both the chemical layer and
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the physical transducer impose limitations on the performance of a certain class of sensors.
Nevertheless it is often the physical transducer which determines the limits of detection at‐
tainable. The search for new transduction principles is therefore constantly stimulated [8]. In
fact, each step depicted in Figure 1 has an influence on the sensor’s performance. From the
mechanism that drives the analyte to the sensor (e.g. microfluidic, activated diffusion, etc.),
to the instrument reading the output signal of the transducer; all stages are the subject of
extensive research efforts.

Besides, microfluildic technology is a frequent technology which is used in biosensors. Mi‐
crofluidic devices or components have emerged in the beginning of the 1980s and were
quickly used in the development of inkjet print heads, Deoxyribonucleic Acid (DNA) chips,
lab-on-a-chip technology and micro-thermal devices. Microfluidics can precisely control and
manipulate fluids and analytes that are geometrically constrained to a small size, typically
sub-millimeter, and scale. One of the most attractive applications of microfluidics has been
in biomedical and life science diagnostics [12]. µTAS applications are attractive because of
the potential of such systems to allow faster analysis of biological material. Further they can
reduce the requirement to the amount of reagent and the number of processing steps. In ad‐
dition, miniaturization of such systems can result in higher repeatability and precision of
analysis, lower power consumption, and the potential to create portable diagnostic tools for
on-site analysis. These advantages result not only in time and cost savings for diagnostic
tests, but can also be life saving in time-critical environments such as critical medical diag‐
nostics or biowarfare pathogen detection.

2. Design art of biosensors

The design art of biosensors can be broadly classified into label-free and label based on the
detection technology. It can also be further classified as shown in Figure 2. Label-based tech‐
niques rely on the specific properties of labels like fluorescence, chemiluminescence etc. for
detecting a particular target. However, the process of labeling and purification processes is
associated with sample losses, which is critical when sample quantity is limited. Labeling
processes can also have a detrimental effect on the functionality and stability of molecules
like proteins. Mass spectrometry, surface plasmon resonance (SPR) and other optical meth‐
od are label-free techniques, which can conquer these disadvantages. The following subsec‐
tions are the detailed discussion to the respective advantages and disadvantages of every
design art.

2.1. Label-free biosensor

2.1.1. Surface Plasmon resonance (SPR) biosensors

Surface Plasmon Resonance (SPR): SPR-based biosensors measure the refractive index near a
sensor surface through an optical method for getting some information. When a light beam
impinges onto a metal film at a specific (resonance) angle, the surface plasmons can be res‐
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onated with the light. As a result, it can induce the absorption of light. For the widely used
Kretschmann configuration, a beam is focused onto the metal film. There is a range of inci‐
dent angles provided focused light and the reflected beam will have the same range of the
angles while the projection of the beam forms a band. A dark line will appear in the reflect‐
ed band if the SPR occurs within the spread angles. An intensity profile of this band can be
monitored and plotted against the range of angles as shown in Figure 3.

Figure 2. Classification of the design art of biosensors based on the detection method [11]
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Figure 3. Principle of SPR detection in the mode of measuring the SPR angular shift[11]
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Many researchers have worked on developing SPR biosensors for studying various kinds of
biological reactions, and many reports have been published. The first application of SPR in
biosensor was demonstrated in 1982 and the first commercial SPR sensor was introduced in
1990’s [13, 14]. Biosensing Instrument Incorporated uses a different approach to detect the
SPR angle change, for example, using the position-sensitive detector. Only the position shift
of the dip is measured, so it offers a highly sensitive detection scheme to measure extremely
small angle changes of the SPR. In the range of the SPR angle spread, the system delivers
exceptionally high angular resolution in its measurement [15]. Like Figure 4 illustrates, SPR
is observed as a sharp shadow in the reflected light from the surface at an angle that is de‐
pendent on the mass of material at the surface [15]. When biomolecules bind to the surface
and change the mass of the surface layer, the SPR angle will shift (from I to II in the lower
left-hand diagram). This change in resonant angle can be monitored non-invasively in real
time as a plot of resonance signal (proportional to mass change) versus time [15].

Figure 4. Schematic of SPR sensing method [15]

Earlier works were focusing mainly on antigen-antibody interactions [16], the streptatividin-
biotin reaction [17], and some Immunoglobulin G (IgG) examinations, especially to test new
algorithms in biospecific molecular interaction analysis, to characterize newly developed
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SPR set-ups [18]. Current researches include far more advanced ways to improve the sensi‐
tivity of biosensor through functionalization layer [19] and silver mirror reaction which the
biosensor based on Ag/Au film could make the resonant wavelength move to longer wave‐
length following with the sensitivity enhancement of the SPR biosensor [20]. One of the new
areas is the examination of protein–protein or protein–DNA interactions [21], even detecting
conformational changes in an immobilized protein [22]. A domain within the tumor sup‐
pressor protein adenomatous polyposis coli(APC) has been examined regarding its bio‐
chemical properties [23], as well as the binding kinetics of human glycoprotein with
monoclonal antibodies [24]. Work has been done on the activator target in the Ribonucleic
Acid(RNA) polymerase II holoenzyme [25].

SPR biosensor technology exhibits various advantageous features. Versatility generic SPR
sensor platforms can be tailored for detection of any analyte, providing a biomolecular rec‐
ognition element; Analyte does not have to exhibit any special properties such as fluores‐
cence or characteristic absorption and scattering bands because label-free binding between
the biomolecular recognition element and analyte can be observed directly without the use
of radioactive or fluorescent labels; The speed of analysis binding event can be observed in
real-time providing potentially rapid response and flexibility SPR sensors can perform con‐
tinuous monitoring as well as one time analyses [26].

However, SPR biosensors exhibit two inherent limitations: On the one hand, specificity of
detection specificity is solely based on the ability of biomolecular recognition elements to
recognize and capture analyte. Biomolecular recognition elements may exhibit crosssensitiv‐
ity to structurally similar but nontarget molecules. If the nontarget molecules are present in
a sample in a high concentration, sensor response due to the nontarget analyte molecules
may conceal specific response produced by low levels of target analyte. On the other hand,
sensitivity to interfering effects similar to other affinity biosensors relying on measurement
of refractive index changes, SPR biosensor measurements can be compromised by interfer‐
ing effects which produce refractive index variations. These include nonspecific interaction
between the sensor surface and sample (adsorption of nontarget molecules by the sensor
surface), and background refractive index variations (due to sample temperature and com‐
position fluctuations) [26].

2.1.2. Mass spectrometry biosensors

Mass spectrometry (MS) is an analytical technique that can be used to measure the mass-to-
charge ratio of charged particles, the mass of particles, the elemental composition of a sam‐
ple and the chemical structures of molecules by ionizing chemical compounds.

In order to measure the characteristics of individual molecules, a mass spectrometer con‐
verts molecules to ions so that they can be moved about and manipulated by external elec‐
tric and magnetic fields. Mass spectrometers are generally composed of three fundamental
parts, namely the ionization source (a small sample is ionized, usually to cations by loss of
an electron), the mass analyzer (the ions are sorted and separated according to their mass
and charge) and the detector (that registers the number of ions at each m/z value) [27].A typ‐
ical procedure usually contains five steps: A sample is loaded onto the MS instrument and
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undergoes vaporization. The components of the sample are ionized by one of a variety of
methods (e.g., by impacting them with an electron beam), which results in the formation of
charged particles (ions).The ions are separated according to their mass-to-charge ratio in an
analyzer by electromagnetic fields. The ions are detected, usually by a quantitative method.
Finally, the ionsignal is processed into mass spectra.

The mass spectrometry can be applied to identify and, increasingly, to precisely quantify
thousands of proteins from complex samples,  which is  believed to have a broad impact
on biology and medicine [28]. But, the size of these equipments is large in general, which
makes  them  unfeasible  for  field  applications  which  require  portable  devices,  especially
for biosensors.

2.1.3. Acoustic wave biosensors

The detection mechanism of acoustic wave sensors is an acoustic (mechanical) wave. The ve‐
locity and/or amplitude of the acoustic wave can be affected by the changes of the character‐
istics of the propagation path when the acoustic wave propagates through or on the surface
of the material [39]. Based on the sensor, the changes of velocity can be monitored by meas‐
uring the frequency or phase characteristics, and then it can be analyze based on the corre‐
sponding physical quantity being measured [29]. Acoustic wave based biosensors offer a
promising technology platform for the development of label-free, sensitive and cost-effec‐
tive detection of biomolecules in real time.

Emerging applications for acoustic wave devices as sensors include as torque and tire pres‐
sure sensors [30~33], gas sensors [34~37], biosensors for medical application [38~41], and in‐
dustrial and commercial applications such as: vapor, humidity, temperature, and mass
sensors [42~44]. Additional capabilities of acoustic wave sensors include remote operation
and passive interrogation [44].

Surface acoustic wave sensors, as a class of MEMS, are widely used recently. The sensor can
transform an input electrical signal into a mechanical wave which can be easily influenced
by physical phenomena. Then, the changed mechanical wave is transduced back into an
electrical signal. The presence of the desired phenomenon can be detected through the dif‐
ference between the input and output electrical signal (amplitude, phase, frequency, or time
delay). The basic surface acoustic wave device consists of a piezoelectric substrate, an input
interdigitated transducer (IDT) on one side of the surface of the substrate, and a second out‐
put interdigitated transducer on the other side of the substrate.

As shown in Figure 5, Self-assembled monolayer (SAW) devices have the interdigitated
transducers (IDTs) excitation electrodes fabricated on the one side of the piezoelectric film.
As a result, the SAW devices have the acoustic waves propagating along the surface of the
piezoelectric substrate. The SAW device could be resonator or delay line depending of the
design of the IDTs. For SAW resonators the IDTs are fabricated in a central position and re‐
flectors are added on both sides of the input and output IDTs to trap the acoustic energy
within a cavity. The surface between the IDTs is coated with antibodies sensitive to the ana‐
lyte to be detected. The analyte molecules binding to the immobilized antibodies on the sen‐
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sor surface influence the velocity of the SAW and hence the output signal generated by the
driving electronics.

Figure 5. SAW delay line biosensor integrated in a microfluidic channel[45]

Virtually all acoustic wave devices and sensors use a piezoelectric material to generate the
acoustic wave. The technology has been utilized in the commercial range for more than 60
years. And the high mass sensitivities of acoustic wave devices make them an attractive
platform for monitoring immunochemical and other biomolecular recognition events. How‐
ever, not all acoustic wave devices are suitable for liquid operation. If the sensor has surface
normal deformations and the velocity of acoustic wave is greater than the compressional
wave velocity of sound in liquid, then they can couple to compressive waves in the liquid
and cause severe attenuation of the sensor signal. In contrast, devices in which surface parti‐
cle motion is parallel to the sensor surface dissipate energy into the liquid primarily by vis‐
cous coupling, which does not produce severe losses and therefore are suited for liquid
phase sensing.

2.1.4. Electrochemical biosensors

Biosensors based on electrochemistry provide an attractive means to analyze the content of a
biological sample due to the direct conversion of a biological event to an electronic signal.
Electrochemical biosensors build a bridge between the powerful analytical methods and the
recognition process of the biological specificity.

Electrochemical biosensors are normally based on enzymatic catalysis of a reaction that pro‐
duces or consumes electrons (such enzymes are rightly called redox enzymes).Electrochemi‐
cal sensor consists of biological materials as sensitive components, electrode (solid

State of the Art in Biosensors - General Aspects96



sor surface influence the velocity of the SAW and hence the output signal generated by the
driving electronics.

Figure 5. SAW delay line biosensor integrated in a microfluidic channel[45]

Virtually all acoustic wave devices and sensors use a piezoelectric material to generate the
acoustic wave. The technology has been utilized in the commercial range for more than 60
years. And the high mass sensitivities of acoustic wave devices make them an attractive
platform for monitoring immunochemical and other biomolecular recognition events. How‐
ever, not all acoustic wave devices are suitable for liquid operation. If the sensor has surface
normal deformations and the velocity of acoustic wave is greater than the compressional
wave velocity of sound in liquid, then they can couple to compressive waves in the liquid
and cause severe attenuation of the sensor signal. In contrast, devices in which surface parti‐
cle motion is parallel to the sensor surface dissipate energy into the liquid primarily by vis‐
cous coupling, which does not produce severe losses and therefore are suited for liquid
phase sensing.

2.1.4. Electrochemical biosensors

Biosensors based on electrochemistry provide an attractive means to analyze the content of a
biological sample due to the direct conversion of a biological event to an electronic signal.
Electrochemical biosensors build a bridge between the powerful analytical methods and the
recognition process of the biological specificity.

Electrochemical biosensors are normally based on enzymatic catalysis of a reaction that pro‐
duces or consumes electrons (such enzymes are rightly called redox enzymes).Electrochemi‐
cal sensor consists of biological materials as sensitive components, electrode (solid

State of the Art in Biosensors - General Aspects96

electrodes, ion selective electrode, gas sensor electrode etc) as a conversion components,
electric potential or current as the detection signal. The sensor substrate usually contains
three electrodes: a reference electrode, a working electrode and a counter electrode. The tar‐
get analyte is involved in the reaction that takes place on the active electrode surface, and
the reaction may cause either electron transfer across the double layer (producing a current)
or can contribute to the double layer potential (producing a voltage). We can either measure
the current (rate of flow of electrons is now proportional to the analyte concentration) at a
fixed potential or the potential can be measured at zero current (this gives a logarithmic re‐
sponse). Note that potential of the working or active electrode is space charge sensitive and
this is often used. Further, the label-free and direct electrical detection of small peptides and
proteins is possible by their intrinsic charges using biofunctionalized ion-sensitive field-ef‐
fect transistors [46].

Electrochemical sensors can be classified into amperometric, potentiometric or conducto‐
metric sensors based on whether current, potential or resistance is being measured during
an electrochemical reaction (oxidation or reduction) between the analyte of interest and the
electrode surface.

Macro scale electrochemical sensors have been used in chemical and biological sensing for a
very long time. Recently, due to many electrochemical sensor researches, sensors utilizing
nanoscience and nanomaterials exploit unique properties (i.e. nanoporous electrodes, nano‐
particles, nanotubes, etc.). A microbiochip that is based on an electrical detection system has
been used for the detection of alpha-fetopro-tei (AFP) antigen [47].

The inherent  advantages  of  electrochemical  biosensors  are  their  robustness,  easy  minia‐
turization,  excellent  detection limits,  also  with  small  analyte  volumes,  and ability  to  be
used  in  turbid  biofluids  with  optically  absorbing  and  fluorescing  compounds  [48,  49].
The main adverse problems is long term stability and reliability associated with incorpo‐
ration of liquid electrolytes, life time and cycle time issues due to small amount of reac‐
tants (consumable electrodes like Ag/AgCl). Secondly, non specific reactions taking place
between the electro active impurities on the surface and the sample also limit the sensi‐
tivity of these sensors [50].

2.1.5. Surface stress sensors

Surface stress [51, 52] is a macroscopic quantity that is governed by microscopic processes.
Although being a macroscopic quantity, the measurement of the surface stress involved in a
system can lead to insight into the microscopic mechanisms basic for the generation of sur‐
face stress without detailed knowledge of the atomistic processes involved. Recent investi‐
gations of surface reconstruction, interfacial mixing, and self-organization at solid surfaces
have renewed interest in the study of surface stress [53-57]. Now the surface stress existing
between biological molecules, cells and some special functional materials has been used in
the biosensors for biological and medical research based on the surface stress analysis.

Biological sensing of numerous analytes based on surface stress can be achieved using canti‐
lever or membrane as the sensitive element of sensors. It is possible to sensitize one surface
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of the sensititive element differently than the opposing surface. When the analytes of inter‐
est interact with the sensitized surface, a surface stress is induced, and the cantilever or
membrane bends due to the different surface stresses acting on both sides of the cantilever
or membrane. The sensor’s specificity, i.e. the sensitivity of the sensor to a specific analyte, is
determined by the chemical functionalization of the sensitized surface of biosensors. Very
specific surface functionalizations can be achieved using molecular self-assembled monolay‐
ers (SAMs) as sensing layers assembled on the surface of biosensor sensitive element. Thiol-
chemistry has been favored as a versatile method of sensitizing a surface.

Microcantilever and micromembrane surface stress sensors have lots of applications in nu‐
merous flieds. Integrated microfluidics enabled individual cantilever/membrane addressing
in the array for selective functionalization. Hansen et al. were able to show that microcantile‐
vers are sensitive enough to detect single base-pair mismatch in DNA hybridization [58].
Wu et al. developed a Prostate-specific antigen (PSA) detection assay using a single micro‐
cantilever at clinically relevant levels in a large background concentration of human serum
proteins – albumin and plasminogen [59]. Yueet al. [60] showed that passivation of the back‐
side with inert coatings like polyethylene glycol (PEG) is absolutely necessary in order to
make reliable protein interaction measurement in cantilever detection system. Si-Hyung
"Shawn" Lim developed a 2-D multiplexed cantilever sensor array plat-form for high-
throughput target specific coating material search, which performed chemical sensing ex‐
periments using toluene and water vapour [61]. In addition, misun Cha demonstrated the
capability of the thin membrane transducer (TMT) for detecting biomolecular reactions such
as hybridization, single nucleotide polymorphism (SNP), and aptamer–protein binding [62].
Vasiliki Tsouti reveals the structure characteristics that should be considered in the design
of the biosensors in the case of flat Si membranes based on the simulation results [63]. Sri‐
nath Satyanarayana presents the design and fabrication of a novel parylene micro mem‐
brane surface stress sensor that exploits the low mechanical stiffness of polymers, measuring
the sensor response to organic vapors like isopropyl alcohol and toluene [64]. But all these
kinds of biosensor must associate with some detection methods to measure and analyse the
usable information gotten from the analyte, for example, optical method, piezoresistance,
and capacitive method.

2.1.5.1. Optical detection methods

The invention of the atomic force microscope (AFM) in 1986 [65] and its impact on the fields
of biotechnology and nanotechnology has created a new modality of sensing: the cantilever.
The most simple way of measuring cantilever deflection resulting from surface stress be‐
tween the analytes with cantilever to get some measured information is by optical beam de‐
flection as in most AFM instruments [66].

In the optical beam deflection technique, a laser diode is focused on the end of the free canti‐
lever and the reflected laser beam is monitored using a position sensitive photodetector, as
shown in Figure 6 [9]. The typical displacement sensitivity achieved using this technique is
on the order of 10-9 m [8]. Fritz et al. demonstrated DNA immobilization and hybridization
using microcantilever measured by optical deflection detection [67]. And Yue et al. demon‐

State of the Art in Biosensors - General Aspects98



of the sensititive element differently than the opposing surface. When the analytes of inter‐
est interact with the sensitized surface, a surface stress is induced, and the cantilever or
membrane bends due to the different surface stresses acting on both sides of the cantilever
or membrane. The sensor’s specificity, i.e. the sensitivity of the sensor to a specific analyte, is
determined by the chemical functionalization of the sensitized surface of biosensors. Very
specific surface functionalizations can be achieved using molecular self-assembled monolay‐
ers (SAMs) as sensing layers assembled on the surface of biosensor sensitive element. Thiol-
chemistry has been favored as a versatile method of sensitizing a surface.

Microcantilever and micromembrane surface stress sensors have lots of applications in nu‐
merous flieds. Integrated microfluidics enabled individual cantilever/membrane addressing
in the array for selective functionalization. Hansen et al. were able to show that microcantile‐
vers are sensitive enough to detect single base-pair mismatch in DNA hybridization [58].
Wu et al. developed a Prostate-specific antigen (PSA) detection assay using a single micro‐
cantilever at clinically relevant levels in a large background concentration of human serum
proteins – albumin and plasminogen [59]. Yueet al. [60] showed that passivation of the back‐
side with inert coatings like polyethylene glycol (PEG) is absolutely necessary in order to
make reliable protein interaction measurement in cantilever detection system. Si-Hyung
"Shawn" Lim developed a 2-D multiplexed cantilever sensor array plat-form for high-
throughput target specific coating material search, which performed chemical sensing ex‐
periments using toluene and water vapour [61]. In addition, misun Cha demonstrated the
capability of the thin membrane transducer (TMT) for detecting biomolecular reactions such
as hybridization, single nucleotide polymorphism (SNP), and aptamer–protein binding [62].
Vasiliki Tsouti reveals the structure characteristics that should be considered in the design
of the biosensors in the case of flat Si membranes based on the simulation results [63]. Sri‐
nath Satyanarayana presents the design and fabrication of a novel parylene micro mem‐
brane surface stress sensor that exploits the low mechanical stiffness of polymers, measuring
the sensor response to organic vapors like isopropyl alcohol and toluene [64]. But all these
kinds of biosensor must associate with some detection methods to measure and analyse the
usable information gotten from the analyte, for example, optical method, piezoresistance,
and capacitive method.

2.1.5.1. Optical detection methods

The invention of the atomic force microscope (AFM) in 1986 [65] and its impact on the fields
of biotechnology and nanotechnology has created a new modality of sensing: the cantilever.
The most simple way of measuring cantilever deflection resulting from surface stress be‐
tween the analytes with cantilever to get some measured information is by optical beam de‐
flection as in most AFM instruments [66].

In the optical beam deflection technique, a laser diode is focused on the end of the free canti‐
lever and the reflected laser beam is monitored using a position sensitive photodetector, as
shown in Figure 6 [9]. The typical displacement sensitivity achieved using this technique is
on the order of 10-9 m [8]. Fritz et al. demonstrated DNA immobilization and hybridization
using microcantilever measured by optical deflection detection [67]. And Yue et al. demon‐

State of the Art in Biosensors - General Aspects98

strated a 2D cantilever array with integrated microfluidics using a single laser source and a
Charge-coupled Device (CCD) camera for simultaneous interrogation of several hundred
cantilevers for DNA and protein sensing [68]. The advantages are its simplicity, linear re‐
sponse, and lack of electrical connections. However it suffers some limitations. A calibration
is needed in order to obtain the recorded signal in terms of the actual cantilever deflection.
Index of refraction changes of the surrounding medium of the cantilever can produce artifi‐
cial deflection and the technique cannot be used in opaque media such as blood.

Figure 6. The optical beam deflection technique is used to monitor the deflection of the cantilever [9]

Another optical method which can attain better performance is interferometry [69]. When
using a fiber optic interferometer [69, 70], the interference signal from the reflected light of
the cleaved end of the fiber optic and of the cantilever surface is a direct measure of the
average cantilever displacement in the field of view. Deflection in the range of 10-11 m to 10-13

m can be measured [71]. Fiber optic interferometer is a mature technology and has many ad‐
vantages, good performance, low loss, high bandwidth, safety and relatively low cost, for
example, which is suitable for biosensors. The principle is as schematically shown in dia‐
gram Figure 7, the interference is formed inside an optical fiber. When the laser diode light
passes at the fiber end-face, a portion is reflected off at the fiber/air interface (R1) and the
remaining light still passed through the air gap (L) with a second reflection occurring at the
air/membrane interface (R2). R1 is the reference reflection named the reference signal (I1) and
the sensing reflection is R2 called sensing signal (I2). These reflective signals interfere con‐
structively or destructively in the fiber due to the difference of the optical path length be‐
tween the reference and sensing signals, which is called the interference signal [70].
Therefore, small deflection of the membrane causes a change in the air gap (L), which
changes the phase difference between the sensing and reference signals producing fringes.

However, optical detection systems for cantilever arrays are still typically large and are
more suited for bench-top applications than for portable handheld use. Nonspecific adsorp‐
tion on the back side (non functionalized side) of the cantilever because of sensor immersion
in liquid sample during measurement is a significant source of noise in these sensors.
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Figure 7. Schematic diagram of a fiber interferometer [72]

2.1.5.2. Piezoresistance detection methods

Piezoresistivity is the variation of the bulk resistivity under applied stress. When a silicon
cantilever is stressed because of its bending caused by surface stress, a highly doped region
will change resistance in a sensitive way. The variation of cantilever resistance is typically
measured using a Direct Current (DC)-biased Wheatstone bridge. The advantage of piezore‐
sistivity technique is that the sensor and the detection scheme can be easily integrated into
lab-on-a-chip type devices. In addition it is more compatible with large array formats. Marie
at al developed a cantilever system using piezoresistive detection instead of optical deflec‐
tion method for sensing DNA hybridization [73].

Nevertheless, this method possesses electrical connections which need to be protected for
experiments performed in liquids and requires current to flow through the cantilever. This
results in heat dissipation and thermal drifts which causes parasitic cantilever deflections.

2.1.5.3. Others

There are some less widely used and readout schemes existed methods, such as the capaci‐
tive method, piezoelectric method and electron tunneling. More recently, displacement de‐
tection methods for nanoscale cantilevers were implemented Cleland et al. developed a
scheme based on capacitively coupling a nanobeam to a single electron transistor achieving
sensitivity down to 10-14 m[73].
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cantilever is stressed because of its bending caused by surface stress, a highly doped region
will change resistance in a sensitive way. The variation of cantilever resistance is typically
measured using a Direct Current (DC)-biased Wheatstone bridge. The advantage of piezore‐
sistivity technique is that the sensor and the detection scheme can be easily integrated into
lab-on-a-chip type devices. In addition it is more compatible with large array formats. Marie
at al developed a cantilever system using piezoresistive detection instead of optical deflec‐
tion method for sensing DNA hybridization [73].

Nevertheless, this method possesses electrical connections which need to be protected for
experiments performed in liquids and requires current to flow through the cantilever. This
results in heat dissipation and thermal drifts which causes parasitic cantilever deflections.

2.1.5.3. Others

There are some less widely used and readout schemes existed methods, such as the capaci‐
tive method, piezoelectric method and electron tunneling. More recently, displacement de‐
tection methods for nanoscale cantilevers were implemented Cleland et al. developed a
scheme based on capacitively coupling a nanobeam to a single electron transistor achieving
sensitivity down to 10-14 m[73].
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2.2. Label based techniques

Label based techniques use ‘tags’ or labels to detect a particular analyte in a background of
other materials. Fluorescence, chemiluminescence and radioactive are three popular label
based techniques in biosensors.

Labeled regeant
Probe moleculars
Target moleculars

Figure 8. Schematic diagram of fluorescence: Surface with different probe molecules is exposed to solution with pre-
labeled target molecules, presence of fluorophores on the surface indicates a specific binding reaction and the pres‐
ence of a target molecule [11]

2.2.1. Fluorescence

Fluorescence is the short-time (< 1 µs) category of luminescence, which is mostly exploited
as an optical phenomenon in cold bodies. For doing this, the molecular component used ab‐
sorbs a photon and can conesecutively emit a photon with a longer (less energetic) wave‐
length. Molecular rotations, vibrations or heat can be produced because the absorbed
photons have different energy; with the emitted photons, for example, the emitted light can
be in the visible range even if the absorbed photon is in the ultraviolet range. The phenom‐
enon depends on the absorbance and Stokes shift of the particular fluorophore.The fluores‐
cence sensor’s principle can be shown via an example in Figure.8: the probe molecules, such
as antibodies, are immobilized onto the surface of probing microchamber using cross-linkers
or covalent methods; the target moleculars with labelled reagent, such as antigens with fluo‐
rophore are loaded on the microchamber and they will bind to probes; and then the bound
targets can be detected. Fluorescence is generally preferred and the most widely used detec‐
tion method for reasons of sensitivity, stability, and availability of fluorescent scanners tail‐
ored for microarray use [74].

The disadvantage of this technique is that most fluorophores are bleached quickly upon ex‐
posure to light and are very sensitive to environment conditions such as solution’s hydro‐
gen ion concentration(pH) value. And both direct and indirect labeling methods have also
their disadvantages. Indirect labeling is more complicated and time consuming, while fluo‐
rescence tags in direct labeling may be less stable and more disruptive to the labelled pro‐
teins as compared to small molecule tags in indirect labeling.
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2.2.2. Chemiluminescence

Chemiluminescence or chemoluminescence is the phenomenon of light emission as the re‐
sult of a chemical reaction, which leads to limited emission of heat (luminescence).

Chemiluminescence (CL) analysis promises high sensitivity with simple instruments and
without any light source, so chemiluminescence has become an attractive detection method
in µTAS in recent years [75-78]. On the other hand, many flow sensors based on CL reaction
and molecular recognition using enzymes, which have great sensitivity in environmental,
biomedical and chemical analysis, have been developed [79-84]. However, limited feature
resolution because of signal bleeding and limited dynamic range is the reported drawbacks
of this method [85]. Furthermore, sensing with chemiluminescence can be performed only
once, unlike fluorescence-based methods which can be archived for future imaging.

2.2.3. Radioactivity

Radioactivity-based detection method is comparable to fluorescence method except that the
labels are radioisotopes instead of fluorophores. Techniques using radioactive labels offer
robust and reproducible protocols in applications that require ultimate sensitivity and/or
resolution. Quantification of results is possible by the following exposure of signal to autora‐
diography film or reusable storage phosphor screens in automated imaging systems. How‐
ever, automated liquid handling of radioactivity is difficult due to the need for safe
handling and disposal of radioactivity, and is generally limited to manual, low-throughput
applications.

3. A novel surface stress-based biosensor

Surface stress-based membrane biosensors, whose bottom surface can be sealed by the bio‐
logical solutions, are ideal for the development of novel surface stress based biosensors with
capacitive readout. Capacitive readout has the advantage of easy and accurate detection as
well as it is suitable for device miniaturization. However, it is not applicable in the cantile‐
ver biosensors due to faradaic currents in the electrolytic solutions.

Due to the advantage of membrane biosensors, a new biosensor is proposed by Micro Nano Sys‐
tem Research Center (MNSRC), which can be used to detect cells. It consists of micro-fluidics,
sensitive membrane and capacitive readout unit. The sensitive element of this biosensor—
membrane (Figure 9) is formed by the Polydimethyl siloxane (PDMS) thin film with part gold
coated on its surface and the trapezoidal structure in the silicon substrate. The surface stress
changes when analyte species adhere to the probes which are immobilized on the membrane
surface. The change of surface stress causes an out of plane deflection that alters capacitance.

The parameters of membrane (Table 1) have been decided based on the FE(finite element)
analysis software ANSYS just like reference [86] and the fabrication techniques. The dimen‐
sion of one whole bio-sensor chip is 13×7mm2(length×width).
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Figure 9. Schematic diagram of membrane[86].

Material Length(μm) Width(μm) Thickness(μm)

PDMS 400 400 1

Gold 390 390 0.02

Table 1. The membrane parameter [87]

Based on the parameters, the biosensors were fabricated [87].One biosensorchip contains
two micro-membranes, one acting as the active membrane and the other as reference, as
shown in Figure 10. The active membrane is sensitized to react with specific analytes. The
selective biochemical reactions between the analytes and the membrane will induce a sur‐
face stress change that causes the membrane to deflect. The analytes will not present on the
reference membrane, it is only used to remain sensitive to other environmental factors that
can also result in a deflection of the active membrane, such as temperature variations (bi‐
metallic effect), laminar or turbulent flow around the membrane, vibrational (including
acoustic) noise, non-specific binding (including the swell induced by solution) and so on.
The differential signal is solely due to the interaction of the analytes with the membrane.
This design has very sensitive surface stress measurements for analytes detection, which is
one main novelty of the biosensor.

Figure 10. The schematic structure of biosensor(a: 3D schematic diagram of biosensor, b: Cross-section view of bio‐
sensor) [87]

One biosensor test systems was set up based on the fiber optic interferometer (FOI) debug‐
ged for the test [88]. Figure 11 shows the comparison of active signals and reference signals
obtained from FOI-based biosensor test system. Lines 1 and 2represent the basic reference
signals when 20µl pure medium (no E.coli) was loaded on the membranes. The voltage had
a big change at the loading point because the membrane deflections were first mainly
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caused by the medium weight. With the evaporation of medium, the influence factors of
weight and reflex became smaller and the signals increased again. The active signals shown
by lines 3 and 4 were achieved when20µl medium with living and with dead E. coli (1.7 ×
103cells/µl)was loaded into the reservoirs, respectively. The primary deflections also came
from the weight and the reflex of E. coli medium, so at the loading point the active signals
became smaller as well.

Figure 11. The comparative signals between only medium and the medium containing living or dead E. coli[88]

For E.coli detection, the experimental results show that the conditions of E. coli can be de‐
tected based on the deflection tests. For the biological and medical applications, other kinds
of cells or molecules can also be detected based on the biosensor test systems. The analysis
of some pathological changes of cells or molecules can be carried out based on the alteration
of membrane deflection. Furthermore, the deflection signal can be translated into electric
signal though adding an electrode on the substrate, which is still promoting for portable
sensitive biosensor by us.

4. Conclusion

Labeling of biomolecules with fluorescent or other similar tags for detection can result in
sample losses during the labeling and purification process and occasional loss of functionali‐
ty, especially in proteins and other small molecules. Label-free detection technique can con‐
quer the disadvantage, and the optical interference method is easy and simply to operate
and high precision to detect the deflection of membrane for getting the information/proper‐
ties of the biological analytes. Label-free detection measurements of biosensors are becom‐
ing a promising alternative approach to traditional label-based methods. Surface stress-
based micro membrane biosensor is a relatively new class of sensor, this kind of biosensor
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allows the detection in opaque media and the miniaturization of the sensor to incorporate it
in portable devices for point-of-use sensing. The technique is advantageous since the proc‐
ess does not require any labeling of target molecules or the addition of redox probes.

PDMS attracts extensive attention worldwide as a membrane of sensors. One kind of PDMS
micro membrane biosensors was successfully fabricated through conquering many challeng‐
es, e.g., integration of PDMS processing with conventional micro-fabrication processes and
the fabrication of perfect PDMS thin film.
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1. Introduction

Since Clark´s enzymatic electrode in 1962s [1], biosensors have been proposed for a range of
application and, aiming clinical analysis application, the amperometrical, potentiometrical
and optical are the biosensors which have achieved most significant development. In con‐
cept, optical biosensors are those based on the detection of changes on absorption of UV/
visible/Infrared light when chemical reactions occur or on the quantity of light emitted by
some luminescent process. Regarding to supramolecular nanostructures and their ability of
enhancing the sensing activity when applied to biosensors construction, a very instigating
work, presented by Jin Shi et al. [2] showed a way of turning carbon nanotubes into more
water-soluble compounds and, consequently, more biocompatible by modifying their sur‐
face with a synthetic DNA sequence. In this way, the carbon nanotubes can overlay the bio‐
sensor electrode more efficiently, enhancing the biosensing activity. Lieden et al. [3] also
took advantage of the properties of nanotubes in biosensing. In their work, they showed
that a biosensor can present a rate of detection tree times faster when carbon nanotubes are
used in the nanobiosensor construction, preventing the attachment of protein to the device
components. The change in electric resistance of carbon nanotubes when proteins touch
them is immediate, which confer to the device a fast recognition ability, and leads to an in‐
creased efficiency of the biosensor. Yet, other fascinating works are the one presented by
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Chen et al. [4] and the work presented by Park et al.,[5] in which a piezoelectric nanogenera‐
tor was developed to feed several devices, including implantable biosensors, which make of
this research field very promising, since nowadays, implantable biosensors present the dis‐
advantage of the need to be recharged or replaced when discharged.

In a common sense, biosensor is a device constructed to inform about a system, requiring as
less human action as possible. It is formed of sample holder, a biological recognition element
which must be selective, a physical transducer to generate a measurable signal proportional
to the concentration of the analytes and the signal processing unit, which gives to the ana‐
lysts graphical, numerical or comparative information that they shall interpret (fig.1). The
recognition element can be of almost any type of biological system, from antibodies, pro‐
teins and peptides to viruses, microbes, cells and tissues.The selection of the appropriate
recognition element considers not only what is the information to be obtained, but also the
ease of construction of the devices employing such element and, of course, their durability.
As an example, some microbes have been employed instead of antibodies and proteins
mostly due to their facile production via cell culture and in vitro stability. Nevertheless, it is
evident that microbes might lead to a lack of selectiveness, due to their non-specific metabo‐
lisms. Recent research had proposed that highly selective microbial biosensors can be con‐
structed by inducing a desired microbe metabolic pathway and by adapting them to the
substrate of interest, using selected conditions of cell-culturing. Also, as alternative to ma‐
nipulate the selectivity and sensitivity of microbial biosensors at the DNA level, the geneti‐
cally engineered microorganisms (GEMs) had been proposed. [6]

Figure 1. General scheme of a biosensor.

Although it is of extreme importance to accurately choose a recognition element to propose
a suitable biosensor, it is of great importance to define a way to turn the recognition event
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into a signal that can be detected and interpreted. The transducer figures now as the element
which is able to transform the biochemical response into a recognizable physical signal. For
example, techniques of immobilizing microorganisms on transducers had played important
roles in the fabrication of microbial biosensors. [7] Some traditional methods of immobiliza‐
tion include adsorption, encapsulation, entrapment, covalent binding, and cross-linking,
mainly via sol-gel processes and, in special, immobilization of microorganisms in conduct‐
ing polymers are of great interest due to their unique electrochemical properties, which can
be exploited on the transduction function. [8, 9]

A number of possible transducers can be proposed, once the interaction between analyte
and recognition element is defined. Available techniques are of a large number and to elect
the proper one very often is not a trivial task. Among various sensing techniques, there are
piezoelectrical, calorimetrical, enthalpimetrical, DNA microarray, Surface Plasmon Reso‐
nance (SPR), Impedance Spectroscopy, Scanning Probe Microscopy (SPM), Atomic Force Mi‐
croscopy (AFM), Quartz Crystal Microbalance (QCM), Surface Enhanced Raman
Spectroscopy (SERS), but electrochemical and optical techniques are the widest used in the
development of microbial biosensors, due to their numerous possibilities, which turn possi‐
ble the construction of a number of selective sensors.Electrochemical biosensors are classi‐
fied as amperometric, potentiometric, conductometric, voltammetric, depending on which
detection principle is employed in the biosensor. In a quick overview on these important de‐
vices, an amperometric biosensor is the one that operates at a given applied potential be‐
tween the working and the reference electrodes. A current signal, related to analyte´s
concentration in the sample, is then generated, due to the reduction or oxidation process
suffered by an electroactive metabolic product. A conductometric biosensor is that in which
a conductivity change is observed upon production or consumption of ionic species in‐
volved in the metabolic process. It became a very attractive device due to its enhanced sensi‐
tivity and fastness brought about through sophisticated modern analytical techniques.
Additionally, they are suitable for miniaturization once it requires no reference electrode in
the system. [10] Its disadvantage lies on that all charge carriers lead to a change of conduc‐
tivity, which directly affects the device selectivity and is known as relatively poor.

The potentiometric biosensor is based on the potential difference between working and ref‐
erence electrodes. In these biosensors, the measured species is not consumed, as it is in the
amperometric biosensor. Its response is on the activity of the species in comparison to the
reference electrode, with the output signal recorded in voltage units and, independently of
the sensor size, the signal is proportional to natural the analyte concentration. Its great ad‐
vantage lies on sensitivity and selectivity, if the working electrode is species-selective. How‐
ever, a highly stable and accurate reference electrode is always a requirement.

The most versatile electrochemical technique applied to biosensors is voltammetry, since
both current and potential difference combined, consist on a reasonable system response. Its
major advantage its successfully application as a multi-component detector.
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2. Optical biosensors

Optical biosensors are those which can sense phenomena related to the interaction of micro‐
organisms with the analytes and correlate the observed optical signal to the concentration of
target compounds, based on the measurement of photons involved in the process, rather
than electrons, as in the afore mentioned techniques. More specifically, optical detection is
based on the measurement of luminescence, fluorescence, colour changes, by the measure‐
ment of absorbance, reflectance or fluorescence emissions that occur in the ultraviolet (UV),
visible, or near-infrared (NIR) spectral regions.

Even though the first biosensor reported, the Clark´s amperometric enzyme electrode for
glucose [1] is dated of 1962, the first fiber-optic biosensor was described only in 1975, by
Lubbers and Opitz [11, 12] and, since then, with the incredible rapidity of new detection
techniques development, various optical biosensors have been demonstrated. Among opti‐
cal properties, fluorescence is by far the most often exploited one by a significant number of
techniques, mostly based on parameters such as intensity, lifetime, anisotropy, quenching
efficiency, non-radiative and luminescence energy transfer, and so on.

Although fluorescent biosensors have been reported since the late nineties, [13- 15] very of‐
ten there is a confusion between labelling and the description of a biosensor, which turns the
exact moment of the fluorescent biosensor proposal not very clear to point. Nevertheless,
amazing development ondetection methods in biosensors, their construction, even at nano‐
scale, and applications have been reported in the last decade. [16- 22]

2.1. Classes of optical biosensors

Due to the enormous quantity of biosensors already proposed, it is a very hard task to classi‐
fy them all. Nevertheless, for our objective, it is convenient to classify them into two classes,
not based on the detection method, which, of course, must be an optical method, but on the
recognition one. With it in mind, optical biosensors can be sub-classified as:

• probing biosensors: this class consists on biosensors that have based their activity in dif‐
ferences of interactions between analyte and recognition element, ruled by affinities. This
behavior leads to changes in the optical response that can be measured by several optical
methods.

• reacting biosensors: in this class, their optical responses are related to chemical processes,
such as chemisorptions, catalytic reactions of any kind, formation of new chemical bonds
and so on. These chemical (and definitive changes) can also generate optical changes
which are detectable by countless optical methods.

With respect to the detection mechanism, biosensors can be of fluorescence, phosphores‐
cence, reflection, UV/Vis/IR absorbance, lifetime, which is the characteristic measured by
Förster Resonant Energy Transfer (FRET) based biosensors, responsible for the wide range
of applications in which biosensors had acted lately. Also, refractive indexes changes can be
detected by several and modern techniques, such as interferometry and Surface Plasmon
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Resonance, which had opened a new and promising field for biosensor research. Further in‐
formation about them will be presented later in this chapter.

Among all optical properties exploited in biosensors construction, the most common meth‐
od of detecting and quantifying biological compounds is still based on the fluorescence ac‐
tivity due to the fact that fluorescent properties of most organic fluorophores are susceptible
to environment changes, which is indispensable to sensing applications. The most important
advantage of these biosensors is that they are proposed for general use, thus, they provide
the possibility of multiple compounds detection within a single device, they are able to per‐
form remote sensing and they are ease to build. Nevertheless, there are some requirements
for the construction of the fluorescent recognition unit that must be attended, regarded to
structure of the fluorophore and to its photophysical activity.

When proposing a biosensor, the hardest task is to address the right fluorophore to compose
it, the one that will provide the needed answer. This is because there is a number of fluores‐
cent probes which can be applied on biosensing and a number of device designs that can be
proposed within the same objective.

Since in sensing applications, detection is based on changes of fluorescent responses of a
particular fluoroprobe, when it is inserted into the analyte environment and interacts with it
by a variety of mechanisms, it is of extremely importance to profoundly understand the
photophysical behavior of the system and the fluorescence parameters that will be determi‐
nant in detection. Once this step is achieved, a biosensor can be built aiming to countless ap‐
plications, which include immunoassays, nucleic acid detection, cellular and sub-cellular
labeling, resonance energy transfer studies, diagnostic assays and disease monitoring and
treatment.

Most of fluoroprobes used in biosensors present an environment-dependent luminescent be‐
havior. Therefore, attention must be given to the environment characteristics that may inter‐
fere with the photophysics of fluoroprobe-analyte, such as pH dependence of the
luminescent response; self-quenching at high concentrations of fluoroprobes; susceptibility
to photo-bleaching; short excited state fluorescent lifetimes, which may confer low sensibili‐
ty to salvation relaxation; small Stokes shifts, which favors self-absorption effects and unde‐
sired luminescent emission shifts and short-term stability when in presence of water or in
aqueous medium [23, 24].

2.2. Fluorescent biosensors

In fluorescent biosensors, a particularly interesting characteristic that have been more and
more exploited is the effect that local interactions can cause on fluoroprobe´s electronic ex‐
cited states, even when no chemical changes are included. With this respect, mechanisms of
controlling and orienting these effects are proposed and studied. For example, non-radiative
energy transfers leading to a more selective system or a more efficient luminescent response,
achieved by combining common organic fluorophores with metallic nanoparticules, metallic
complexes or with nanostructures of carbon or peptides have presented interesting results.
In our previous work, with leadership of Prof. Alves, [25] diphenylalanine peptide nano‐
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tubes were physically modified with a fluoroprobe containing a polar head, 1-pyrenyl-car‐
boxylic acid, and their steady-state and dynamic fluorescence responses were determined
(fig.2). Also, the mechanism of interaction between peptides to form the supramolecular
structure and their interaction with the fluorophore were studied and revealed. By computa‐
tional simulations, it was shown that the nanotube formation and the fluorophore adsorp‐
tion are governed by π-stacking interactions, which makes of electrostatic interactions
essential. Moreover, since the connection of nanostructured materials, especially biomateri‐
als such as peptides, with solid well-structured surfaces make the manipulation of such
structures an interesting alternative for device fabrication. Although the afore mentioned
work focused on the supramolecular chemistry of nanostructure obtainment and the role of
pH conditions to ensure the right nanotube dimensions, it rose the perspective of construct‐
ing an electronic device for biological recognition. Aiming at the application of this nano‐
structured peptides to a biosensor construction, it is of great importance to determine
whether the interaction of the peptide nanostructure with the probable substrates can influ‐
ence the optical response measured. The first step is to determine the nature of the interac‐
tion between the fluorescent peptide nanotubes with Indium-Tin Oxide (ITO) electrode,
elected as a good candidate to act as anode in a future biosensor device.The modified Phe-
Phe nanotube was then deposited on ITO electrode and the time-resolved fluorescence of
this system was detailed studied.

Since the amphoteric ITO is a transparent conductive oxide of low electrical resistivity (10-6

to 10-4Ω.cm) and small bandgap (of 3.3 eV), high physical-chemical stability and good sur‐
face morphology, it is widely used as electrode in a variety of devices, which includes sen‐
sors. When applied to biosensors, ITO can interact with protein residues due to –OH groups
on its surface, which enables the adsorption of carboxylic and amine residues via hydrogen
bonds.

By combining the final fluorescent nanotubes with ITO electrodes, a non-radiative resonant
energy transfer (FRET) was detected between the thin layer of mixed oxide and the fluoro‐
phore doping in nanotube surface. In fact, the results show that when pyrenyl-doped nano‐
tubes are formed at neutral and higher pH ranges, FRET occurs, leading to a small excited-
state lifetime of pyrenyl moieties, but, at lower pH ranges, the excited states of pyrenyl
moieties are stabilized and the lifetime rises. This energy transfer process is favored, in this
case, by the strong electrostatic interaction between the charged nanotube and the charge
transporter ITO of dipole-dipole induced type. When nanotubes are formed in low pH rang‐
es, the final structure presents an overall superficial positive charge, due to protonation of
carboxylic and amine groups of peptide residues and carboxylic groups of the fluorophore,
which is responsible for a less effective electrostatic interaction between combined peptide
structure and 1- pyrenyl-carboxylic acid moieties and the ITO surface. These results contri‐
bution laid in terms of the supramolecular control of the structures, showing that they can
be designed and actually obtained as desired and many aspects of biosensing activity can be
exploited in the same device conception. In this example, both a fluorescent-based biosensor
for local environment monitoring and a FRET-based fluorescent biosensor can be designed,
depending only on the approach.
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Figure 2. Epifluorescence images (200 times increased) and respective fluorescence spectra of Phe-Phe nanotubes
samples obtained at of 0.07% m/m of 1-pyrenyl-carboxilic acid and at distinct pH ranges, deposited over glass and
glass covered by ITO substrates.

2.3. FRET-based fluorescent biosensors

FRET is often exploited in biosensors due to the variety of systems that can present this ef‐
fect and to the quantity of sensing elements that can be employed in the biosensor construc‐
tion. An example is the use of colloidal luminescent semiconductor nanocrystals, the
quantum dots (QDs), to biosensors. These fluorescent compounds are very well known as
fluorescent labels for a series of studies, in particular, for imaging of biological and non-bio‐
logical systems. [26-28] Nevertheless, they also give rise to more robust biosensors, since
their unique fluorescent properties can overcome the organic-based fluorophores liabilities.

The major property that inform about the occurrence of non-radiative energy transfer proc‐
ess is changes in the fluorophoreexcited state lifetimes. Due to the variety of compounds
that can have their excited state disturbed, several detection techniques can be applied, sev‐
eral device architectures only dependent on the application, rather than in the detection
technique, generating biosensors with significant sensitivity and selectivity enhancement,
which can be even at the one single molecule limit. FRET is also essential to the conductive
polymers, DNA, aptamer or protein-based biosensors and all these possible architectures
make use of the interpretations of luminescent signals that reveals several mechanisms for
FRET. Indeed, FRET is a resonant process that depends on several conditions of the environ‐
ment where it takes place. In a short description, this non-radiative excitation energy trans‐
fer occurs always that a donor chromophore and an acceptor become close to each other and
their electronic energy levels interact, with some pre-requisites. As described by Förster [29],
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FRET is determined by a long range dipole–dipole interaction between the donor and the
acceptor and his formulations for these events are widely applied from solutions to solid
systems, which contain the chromophores of biochemical interest. As an advantage, FRET
offers an experimental approach to determine molecular distances through luminescent
spectral measurements, which correspond to the efficiency of energy transfer between a do‐
nor and an acceptor located at two distinct specific sites, with separation limited to a range
of 10–80 Å. Because of the sensitiveness of this technique corresponds to the inverse sixth
power dependence of the transfer efficiency to the donor-acceptor distance (equation 1),
FRET is assumed to consist of a sensitive technique for detection of global structural altera‐
tions. Förster formalism assumes that donor and acceptor are stationary in the timescale of
their electronic excited-states lifetimes and, as a consequence, the donor-acceptor separation
is static, giving a single distance between them. Nevertheless, the dynamic nature of large
systems such as proteins and polymers cannot be ignored and the distances between them
are expressed as a distribution. Förster mechanism involves an inductive resonance transfer
in which the excitation process creates an electric field around the donor, due its charge
transport. As a second oscillator, the acceptor, come closer to the donor, it inductively oscil‐
ates and, if it occurs with the adequate frequency, the energy of the donor is transferred to
the acceptor. The energy transfer is maximum when both oscillators are similar. To observe
this phenomenon, it is necessary that electronic transitions of both donor and acceptor are
permitted and then, that coulombic interactions, such as dipole-dipole, which are distance
dependent by a factor of R-3, occur. This leads to a probability of occurrence of FRET propor‐
tional to R-6. Förster predicts that the energy transfer occurs if there is a coupling between
transitions and radiation field, at a rate constant (kDA) given by:

kDA = 9000k 2ln10
128π 5n 4N AτDAr 6 ∫

F DεA(ν)
ν 4 dυ (1)

In which k2 describes donor-acceptor dipole relative orientation; NA is the Avogadro Con‐
stant; FD stands for the donor corrected fluorescence intensity; εA is the acceptor molar ex‐
tinction coefficient; τDA is the donor fluorescence lifetime; r is the distance between donor
and acceptor; n, the refractive index and ν the wavenumber.

When the probability of FRET occurrence is 50%, the distance in which it takes place is a
reference distance, called Förster Distance (R0), defined as the distance in which the FRET
rate KDA is equivalent to the fluorescence rate of the donor in the absence of the acceptor τD

-1.
They are related by:

kDA = 1
τD

( R0

r )6 (2)

When R = R0, KDA = 1/τD
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2.4. DNA – based fluorescent biosensors

Despite specific requirements of the systems of interest, these assumptions can be applied to
any measurements that can identify the energies of the electronic transitions involved and
the excited states lifetimes. In DNA-based biosensors, high sensitivity detection and real
time information are crucial. In their work, Liu and Bazan [30] proposed homogeneous bio‐
sensor assays, which were based on the detection of distinct luminescent responses of a wa‐
ter-soluble conjugated polymer and took advantage of its characteristic of self-assemble to
improve the biosensor capability over those employing small molecules. In this biosensor,
the interaction between the oligonucleotide hybridized with a cationic polythiophene and a
single-stranded DNA or a double-stranded DNA in the presence of cationic poly(fluorene-
co-phenylene) leads to conformational changes on polymer backbone and to changes in the
fluorescent response, as the cationic poly(fluorene-co-phenylene) acts as donor in the fluo‐
rescence energy-transfer assay and, hence, to a signal amplification(fig.3). In the presence of
the single-stranded DNA, the positively charged polymer interacts with it, but without ener‐
gy transfer and only emission from the poly(fluorene-co-phenylene) is detected. When inter‐
acting with the double-stranded DNA, emission from the poly(fluorene-co-phenylene)
decreases and emission from the hybridized oligonucleotide is observed. The signal trans‐
duction is then controlled by specific electrostatic interactions.

Figure 3. Scheme of the transduction mechanism on Liu´s conductive polymer FRET-based biosensor for DNA detec‐
tion. Reprinted (adapted) with permission from [30]. Copyright (2004) American Chemical Society.

The approach of employing oligonucleotides in the transduction process of biosensors has
become very attractive and popular in such a way that a new class of biosensor has arose:
the aptamer-based ones.

2.5. Aptamer-based biosensors

Although most of the aptamer-based biosensor utilizes optical methods for detection, it is
not exclusive. In fact, they consist of a versatile tool for biosensors, since they behave as effi‐
ciently as antibodies, selectively interact with the target and consist of innovative ap‐
proaches for biosensor construction. There are numbers of aptamers that can be selected
from the Systematic Evolution of Ligands by Exponential (SELEX) enrichment, which con‐
sists of an in vitro iterative process of adsorption, recovery and re-amplification of single-

New Insights on Optical Biosensors: Techniques, Construction and Application
http://dx.doi.org/10.5772/52330

119



stranded DNA combinatorial lists. This routine of select an aptamer is necessary due to the
specificity of their interactions and the variety of biosensors that can be proposed.

In a recent work, Yildirim et al. [31] showed an environmental application for aptamer-
based optical biosensors. In their approach, β-estradiol 6-(O-carboxy-methyl)oxime-BSA
was covalently immobilized on an optical fiber surface to develop an aptamer-based biosen‐
sor for rapid, sensitive and highly selective detection of 17β-estradiol, a endocrine disrupt‐
ing compound that is a common water pollutant. In an indirect competitive detection
approach, samples of 17β-estradiol were premixed with a fluorescence-labeled DNA aptam‐
er. In the sensor surface, a higher concentration of 17β-estradiol led to a less intense fluores‐
cence of the labeled aptamer, by creating a dose-response curve of 17β-estradiol, with a
detection limit as low as 0.6 ng mL-1.

2.6. Quantum dots-based fluorescent biosensors

Some of the quantum dot´s photophysical properties overcome by several orders of magni‐
tude those of common fluorophores. For example, they present very broad absorption spec‐
tra, from UV region towards blue-visible region, corresponding to a large wavelength range;
their molar extinction coefficients are of hundred times larger than those of small organic
fluorophores and can reach values of several millions. [32] Also, they present the ability of
tuning their photoluminescence as a function of the core size, which turn possible assign a
determined quantum dot for an application.[33, 34] This possibility becomes a great advant‐
age of quantum dots in comparison to organic luminescent polymers, which cannot have
their behavior well predicted only by their chain size: it is important to know their solubility
and the interaction forces that act in a given system, since their final photophysical proper‐
ties are intimately related to their chain conformation and, so, to inter and intrachain energy
transfer processes.

Regarding to the photoluminescent properties of quantum dots, their tunable fluorescence
combined to the very broad absorption lead to a large effective stokes shifts and to the prob‐
ability of an efficient excitation of a mixed population of quantum dots, at a single wave‐
length, several nanometers delocalized from their fluorescent maximum. The characteristics
of size-tunable luminescence and of broad absorption spectra make of quantum dots suita‐
ble for multi-color (or, as usually called multiplexed) immunoassays. Their photostability
and sensitivity also make them good options for a number of imunoassays, especially be‐
cause they provide flexibility to the analytical techniques [35, 36].

In Pinwattana et al. [37] work, quantum dots were conjugated to a secondary anti-phospho‐
serine antibody in a heterogeneous sandwich immunoassay, acting as labels and generated
amplified electrochemical signals, analyzed by square-wave voltammetry, which is not an
optical technique, but it demonstrates the amplitude of analytical methods that the choice of
quantum dots as actives in biosensors permit. Their experiments consisted of the addition of
the model phosphorylated protein, bovine serum albumin, to a primary bovine serum albu‐
nmin antibody-coated polystyrene microwells, followed by the addition of a quantum dot
labeled anti-phosphoserine antibody. This quantum dot label was then removed by acid at‐
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tack and the free label was detected, leading to current responses that were proportional to
the concentration of the phosphorylated bovine serum albumin.

Since quantum dots are usually obtained from organometallic precursors, they are poorly
water-soluble and this is, in some cases, an issue to biosensing, since it seems improbable
that, in these conditions, a quantum dot will interact with a biosystem. Nevertheless, there
are several methods available to efficiently exchange or functionalize their native organic li‐
gands with a desired ligand that can better both solubility and bioconjugation potential, by
either chemical or physical processes. One of the most common modifications is to attach a
biomolecule to a functional group on the quantum dot surface, which can be amines, carbox‐
yls or even thiols. In this matter, amines andcarboxyls can be easily modified by 1-Ethyl-3-
(3-dimethylaminopropyl) carbodiimide, a common reactant. Thiol groups are usual sites for
maleimide.

The quantum dot surface modification can also be conducted by direct interaction with the
biomolecule. In this case, interaction forces balance may govern the stability and the yield of
the modified quantum dot. Examples are metal-affinity between polyhistidine appended
proteins and Zinc atoms present on quantum dot´s structure, which leads to coordination of
the biomolecule to the metallic center [38, 39] or dipole interactions between thiol groups of
cysteine residues with sulfur atoms present in the surface.[40, 41] These modifications can
transform quantum dots into efficient elements to immunoassays applications. Examples
were presented by Puchades et al. In their review, [42] they showed that by electing a quan‐
tum dot, taking into account its size and by coating it with a variety of substances, from anti‐
bodies to silica, the quantum dot can by assigned to a specific immunoassay. For example,
immunoassays which employ fluorescence spectroscopy as analytical technique had used
distinct quantum dots as labels, such as quantum dots conjugated to antibodies, covered by
biotin or bare quantum dots, while lanthanide-quantum dots were assigned to time-re‐
solved fluorescence experiments and streptavidin-modified quantum dots were used in ei‐
ther in fluorescent or chemiluminescent experiments.

Such a variety of methods to adapt the inorganic nanoparticles to immunoassays leads to an‐
other classification, with respect to the exploited mechanism. In this sense, immunoassays are
classified as non-competitive or sandwich assays, when involving an analytical path in which the
antigen in the sample is bound to the antibody site and a second labeled antibody is bound to
the antigen, resulting in a response that is directly proportional to the concentration of the ana‐
lyte; and as competitive immunoassays, when involving the competition of the antigen in the
sample and the labeled antigen to bind to specific antibodies, resulting in a response that is in‐
versely related to concentration. In a brief comparison, direct assays are faster, once they em‐
ploy only one antibody,  eliminating the secondary antibody cross-reactivity.  In contrast,
indirect immunoassays are much more sensitive.

As  a  competitive  immunoassay  example,  Ding  et  al.  [43]  coated  a  microtiter  platewith
ovalbumin haptenand observed the decrease of  the fluorescenceat higheranalyte concen‐
trations.  This  indirect  immunoassay  was  used  to  determine  sulfamethazine  residuesin
chicken-muscle tissues with alimit of detection of 1 ng/mL for the immunoassay. Compet‐
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itive assays also contemplate those using fluorescent probes as internal standards, such as
quantitative assays.

As an example of non-competitive detection strategies is the new indirect immunoassay pro‐
posed by Li et al., [44] in which quantum dot fluorescent labels were combined to enzyma‐
ticchemiluminescentlabels. This system was used to simultaneously detect three cancer
markers in human serum and thelimits of detection were the same for all markers, in the
ng/mL range. Seeking for a new strategy that to be applied to the construction of a biosensor
for most distinct application, they coupled the quantum dot to other two chemiluminescent
enzymes, creating a hybrid multiplexed detection system for lung cancer.

2.6.1. The Surface Enhanced Resonance-Raman Scattering applied to quantum dots biosensors

It is noteworthy that quantum dots can be applied to surface-enhanced resonance Raman
scattering (SERS) measurements as a powerfultool for ultrasensitive analysis, since unlike
fluorescence techniques, SERS-active groups do not self-quench. An example is Han et al.
work, [45] where fluorescein was used as Raman probe for a microtiter plate covered by an‐
tigen (human IgG) samples of unknown concentration. In their experiments, a solution of
fluorescein-conjugated antibody was added to the sample and fluorescein SERS spectrum
was recorded with a limit of detection of 0.2 ng mL-1 in a several-days stable device.

2.7. Labeled and labeled-free optical biosensors

Among optical biosensors that can be constructed based on this spectroscopic technique,
there are those classified as labeled-fluorescent biosensor, as the above mentioned examples,
but there is also a evolving rinsing class of optical label-free biosensors [46]. The most cru‐
cial distinction between these techniques is that label-free biosensors can directly evaluate
the properties of the system, instead of the fluorescent response of a labeled material to the
effect of its local environment. In their review, Fan et al. [46] make a clear distinction be‐
tween labeled and label-free optical biosensors, with respect to techniques of detection, sam‐
ple preparation, sensibility and versatility. They mentioned that although there are some
great differences between fluorescence-based and label-free detection techniques, both are
widely used in optical sensors construction.These distinct characteristics of the label-free de‐
vices make of these optical biosensors the most versatile among all types of sensing technol‐
ogies that are only able of label-free detection, as in the case of surface acoustic wave and
quartz crystal microbalance technologies. It also discusses Raman, refractive index and ab‐
sorbance as detection methods. These approaches enable the optical detection to be yet more
versatile, enabling the construction of a series of other biosensors, only by specifying even
more de detection technique. It is not unusual that an optical label-free biosensor mixes
more optical structures to enhance its sensing performance. For example, among the refrac‐
tive index optical biosensors, they can be:

• Surface plasmon resonance

The first work that employed the plasmon resonance phenomenon to sensing was devel‐
oped by Liedberg et al. in 1983.[47] Since then, this remarkable technique has been widely
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employed in many biochemical and biotechnological fields and greatly developed. Several
types of biorecognition elements are currently used, depending on the application. This
technique is so versatile that have been employed in a wide range of processes, including
food and environmental monitoring and clinical analyses.

In simple words, surface plasmon is a charge density wave over a metallic surface. In the
case that a thin layer of a metal is deposited on glass, there must be distinct dielectric con‐
stants on both faces of the film: the one in contact with glass surface and the other in contact
with air. Then, a charge density oscillation occurs at these interfaces, leading to the phenom‐
enon occurrence. It is observed as a sharp minimum of the light reflectance when the inci‐
dent angle is changed, leading to a very important sensitivity to refractive indexes
variations. These systems can be excited by some methods, as the waveguide coupling,
where a dielectric and a metal are positioned over the substrate, generating a waveguiding
layer, which creates an interface between metal and the waveguide. Light, therefore, propa‐
gates in this waveguide through totalinternal reflection, giving rise to an evanescent field at
the interface, which excites the surface plasmon wave. [48, 49] Although this is a very popu‐
lar technique, there are other methods to excite the surface plasmon wave that can lead to
better detection limits, such as prism coupling. Nevertheless, waveguide coupling consists
of an alternative due to easily combine to other optical components.

Some advances of these techniques had been presented in the last few years. In their work,
Sacarano et al.[50] presented the SPR imaging technique, or “SPR microscopy” as the “most
attractive and powerful advancement of SPR-based optical detection”, which presents the
advantage of coupling the sensitivity of the SPR measurements with the spatial capabilities
of imaging. In this approach, the entire biochip surface is visualizedin real time, which, as a
perspective, might enable experiments based on the continuous monitoring of immobilized
spot arrays, with controlled size and shape and with no need of labeling.

• Interferometry:

Based on the interferometry technique of improving analytical signals, some types of inter‐
ferometer-based biosensors were developed, such as Mach-Zehnder, Young’s multi-channel
and Hartman, among the most commonly used. They are based on the concept that a guided
wave suffers a phase change when its evanescent field interacts with the sample. This inter‐
action produces an optical phase change that is quantitatively related to the sample. In these
constructions, a sensitive biosensor must present a long interaction length between guided
wave and sample. Although many are the interferometric components that can be employed
in a biosensor construction, these are by far the most commonly found:

• Mach-Zehnder interferometer:

It is composed of beam splitter that divides a coherent, polarized single frequency of a laser
beam into two branches. The first one is passed through a window that leads to the refer‐
ence branch of the interferometer. The second one passes through the detection branch win‐
dow, in which the evanescent field interacts with the sample. Both beams are kept apart by a
thick coating layer. They recombine at the output, resulting in an interference pattern that is
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detected at the photodetector. This type of interferometer gives rise to excellent bulk refrac‐
tive index detection capability, but until now, there had not been much development of de‐
vices based on this interferometer.

• Young´s interferometer:

Similar to Mach-Zehnder interferometer, this is also based on the passage of a laser beam
into a slit, reaching a splitter. The laser beam is divided into reference and sensing branches,
but instead of recombining at the output, the optical output of the two branches combine to
form interference fringes on a CCD detector. This improves the signal, giving information
about spatial intensity distribution along the CCD.

• Hartman interferometer:

In this configuration, optical elements are placed over a planar waveguide, organized in
strips. A laser beam enters the device by an input grating, reaching the optical elements
composed of functionalized molecules and leaving the device by the output grating. [51] In‐
tegrated optics is positioned after the output, creating interference between pairs of func‐
tionalized strips.

• Backscattering interferometer:

The most common backscattering interferometers employ in their construction a simple op‐
tical arrangement composed of a coherent light source (ususally a low-power He-Ne or red-
diode laser), a microfluidic path, and, of course, a phototransducer. The backscattering
interferometry technique presents some advantages when compared to the above men‐
tioned techniques. Since it is based on microfluidic concepts, it shows comparable perform‐
ance as former interferometers, but using a much smaller sensing area,which permits a wide
range of configuration. In this approach, the coherent laser beam is focused on a small sens‐
ing area, the interaction of the laser beam with the fluid-filled microchannelleads toan inter‐
ference pattern that is registered in the photodetector, which is sensible to the laser reflected
intensity. When a biological sample is placed over the illuminated surface, a laser of distinct
intensity is detected due to a phase change caused by the light reflection over this surface.

• Photonic Technologies

The photonic technology has been object of many research fields and of a very rapid im‐
provement, compared to other technologies. In this sense, there are many methods to em‐
ploy photonicprinciples, and a wide range of scientific and technological issues to apply it,
resulting in several equipment proposals. The broad range of applications of photonic devi‐
ces permits to glimpse the importance of this emerging field. It is possible to incorporate dif‐
ferent types of lasers, dielectric waveguide structures and photodetectors in a variety of
possible equipments, that enables the perspective of explore from ultraviolet to far infrared,
extending the fundamental research approach and the application possibilities, that can ex‐
plain why photonics application, in other potential technologies, has grown in such impres‐
sive way.
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In the biosensor perspective, many materials and concepts of application have been devel‐
oped and a wide range of the proposed devices employ optical fiber and waveguides, as
well as photonic crystals. Here some characteristics of such devices are pointed.

• Optical fiber

The two basic concepts of optical fiber based biosensors are the Fiber Bragg´s grating and the
long-term grating. They differ from each other not in principle, but in construction. While the
fiber Bragg´s grating concept requires the etching of the fiber (or grating) surface, followed
by the physical pattern of the surface, the long-term grating is a configuration based on peri‐
odic grating of 100 µm to 1 mm, which make them much larger than the common Fiber
Bragg´s gratings and confer them the advantage of an increased sensing to refractive index
changes. Moreover, they are easier to build and can be customized by chemically removal of
the coating. Either fiber Bragg´s or long term grating designs can lead to very high refractive
index sensitivity and low detection limits, which consist of the most desired characteristics
of promising biosensors.

• Optical waveguide

This elegant technique has been applied for biosensing in the last decade with a considera‐
ble success. Due to that, many structures of construction had been proposed usually direct‐
ed by the analyte of interest. In this concept, some popular structures are:

• Resonant mirror, in which a low refractive index spacer composed of a metal or a dielectric
layer, is sandwiched between a high refractive index substrate, usually a prism from
where light reaches the biosensor and is refracted, and a high refractive index waveguide
layer. There, the incident light at the resonant angle is coupled into the high-index wave‐
guide layer and has a strong reflection at the output side of the system. Then, it is con‐
ducted through the waveguide, creating the evanescent field that leaves the waveguide.
This approach turns the resonant angle sensitive to any change of refractive index and the
signal is produced.

• Metal coat waveguide, which differs from the former structure by employing a low refrac‐
tive index waveguide layer, separated from the high refractive index substrate by a metal
layer. In this configuration, light is guided through the low refractive index and the light
intensity is increased by the metal spacer, leading to an increased light-sample interaction
and, therefore, to an increased sensitivity.

• Optical ring resonator

In this configuration, light suffers a total internal reflection in the boundaries of a curved
interface between a high and a low refractive media.  This  process  leads light  to propa‐
gate in the circulating waveguide form or in the whispering gallery modes, as illustrated
by Fan and cited by some other works therein.[46]Devices based on this technique can be
constructed in a much smaller scale than those based on the former techniques with simi‐
lar sensing capability, which is their great advantage. They can be constructed in a num‐
ber  of  configurations,  in  which  the  microfabricated  ring  shaped,  disk  shaped  or
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microtoroid shaped resonators on a chip, the stand-alone dielectric microspheres and the
so called capillary-based opto-fluidic ring resonators are the most common examples. The
chip-based ring resonators present some advantages which include the capability of opto‐
electronic integration, but, apart from the microtoroid configuration, they usually present
problems of low quality factors (Q-factor), which are designated as all intrinsic and extrin‐
sic losses occurred in the optical resonant cavity system [52] and in this case, these prob‐
lems are related to their surface roughness. These types of ring resonators are very well
presented and discussed in Fan´s review. [46]

• Photonic crystal

This class of biosensors is, in fact, an evolution of the optical fiber based ones. They are
formed by photonic crystal microcavities, obtained by introducing a defect in periodically
organized microstructured holes, usually of silica, by altering their dimensions. Some can be
embedded with molecules, which are responsible for the occurrence of a change in the re‐
fractive index of the biosensor, leading to a detectable signal in the form of a spectral shift of
the resonant wavelength of the photonic crystal cavity. Also, polymers can be used as a coat‐
ing layer for the photonic crystal cavities, as showed by Chakravarty et al., [53] which doped
the photonic crystal microcavities with a quantum dot and coated it with anion-selective
polymer. With this procedure, they were able to construct a sensor with good properties,
such as a very specific and accurate detection for changes of perchlorate anions and calcium
cations at submicro concentrations in solution, while Lee et al. [54] presented a photonic
crystal suitable for protein and single particle detection. In their experimental and theoreti‐
cal work, they claimed their device achieved a sensing volume of 0.15 µm3, and that it pre‐
sented a limit of detection as small as 1 fg. They also determined its performance for
particles in the size range of a variety of viruses, using latex spheres as models.

In a recent work, Aroua et al.[55] have studied, also by experimental and theoretical means,
a label-free biosensor in order to determine it characteristics, the field intensity and the reso‐
nant wavelength shift when the nanocavities of the photonic crystal are filled with blood
plasma, water or dried air. With this protocol, they showed that the enhancement on sensi‐
tivity is related to the photonic crystal design parameters.

2.8. Carbon nanotubes and graphene-based biosensors

Some new materials had also found a great deal of applications, especially in biosensing, such
as carbon nanotubes and lately, graphene. As for single-walled carbon nanotubes, (SWNTs),
they are known to exhibit unique intrinsic properties, which include a semiconductive behav‐
ior and photophysical propertiesdependent of their structure. For example, nanotubes with
some chirality, band gap fluorescence is observed, as well as strong resonance Raman scatter‐
ing.In this way, hybrid materials of SWCNTs and biomolecules is a way to obtain good materi‐
als for biosensing applications, since the fluorescence band-gap of SWNTs is highly sensitive
to its environment and show shifts when the nanotube is in contact with other molecules.

In their work, Jin et al. [56] proposed the construction of a platform for selectively deter‐
mine the hydrogen peroxide efflux from living cells, in order to biosensing human carci‐
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noma,  in  an  array  of  fluorescent  single-walled  carbon nanotubes.  In  this  biosensor,  the
carbon nanotubes have their fluorescence quenched when H2O2  is liberated by A431 hu‐
man epidermal carcinoma cells,  in response to the epidermal growth factor.  They show
that this array is able to distinguish between peroxides originated on the cell membrane
from other contributions.

Also to show the versatility of carbon nanotubes, Chen et al. [57]presented a sensitive meth‐
od for multiplexed protein detection by using functionalized single-walled carbon nano‐
tubes (SWNTs) as multicolor Raman labels. They claim that this method is a good
alternative for standard fluorescence-based techniques since, unlike fluorescence, Raman de‐
tection benefits from the sharp scattering peaks of SWNTs with minimal background inter‐
ference. Also, it can be combined to surface-enhanced Raman scattering substrates, allowing
protein detection sensitivity down to 1 x 10-15Mol L-1, which is three orders of magnitude mi‐
nor then the detection limit of fluorescence-based methods. They used these modified
SWNT to Raman detection of human autoantibodies against proteinase 3, a biomarker for
the Wegener's granulomatosisautoimmune disease, and by conjugating different antibodies
to pure (12)C and (13)C SWNT isotopes, they had demonstrated the multicolor Raman pro‐
tein detection.

In their work,Morales-Narvaéz and Merkoçi[58] took advantage of graphene´sinnovative
mechanical, structural (several graphenes present lattice-like nanostructures), electrical,
thermal and opticalproperties. They employed graphene oxide (GO) as a biosensing plat‐
form due to its ability of nanoassemble in wire form when in presence of biomolecules, its
processability in solution and due to its heterogeneous chemical and electronic structure,
which confers to GO the ability to be used as insulator, semiconductor or semi-metal. Also,
they presented graphene oxide as a universal highly efficient long-range quencher, with the
perspective of been applied to several novel biosensing strategies.

Phan and Viet also worked on testing graphene application on biosensors by replacing car‐
bon nanotubes for graphene ribbons in biosensors,[59] which were able to sense the transi‐
tion of DNA secondary structure from the native right-handed form to the alternate left-
handed form.

Although studies ongraphene´s propertiesare still preliminary, it is thought as a promising
platform for biosensing. In their review, Yang et al. [60] discuss all aspects of functionality,
performance, properties, fabrication, handling and challenges of these carbon-based materi‐
als as part of biosensors. Ina critical analysis, they present the great opportunities yet to
come with the use of these materials and point us what is necessary to have in mind when
proposing a new architecture for biosensors and new materials to be employed. Neverthe‐
less, graphene application on bioelectronics is still controversial.

3. Construction basics

The devices architectures that have been found in the literature and in the market are as nu‐
merous as the applications that they find. As well resumed by Reardon et al., [61] optical
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sensing opens a wide range of methodologies that can be based in either one of the electro‐
magnetic wave parameters analysis, as their phase, polarization and amplitude. Analysis
and detection methods applied to the amplitude parameters are the most common, due to
the direct information that they can give about the system and due to the possibility of cou‐
pling this information to those obtained by polarized systems or phase optics.

There are no limits to explore regarding to optical properties or to instrumentation to be ap‐
plied, alone or combined. Nevertheless, the most common optical approach is to promote
the interaction of the analyte with light to produce light as response. Conventional methods
permit the detection of absorption, reflection or scattering of light, through which it is possi‐
ble to infer about the interaction between light and the analyte through signal changes.

Most elegant methods employ the detection (and promotion) of emitted light from the ana‐
lyte, which in general relies on larger wavelengths that those used to illuminate the sample.
The wavelength shift can be caused by either nonlinear interaction processes between light
and analyte, as harmonic or inharmonic oscillations, such as vibrational modes that give rise
to Raman shifts or by the electronic excitation of a system that result in the loss of a portion
of the excitation energy as photons through luminescent phenomena that occur at shifted
wavelength range. These luminescent processes include fluorescence and phosphorescence,
which differ from each other with respect to the quantum levels involved in each electronic
transition and that are affected by the interaction with the environment and, consequently,
to analyte concentration.

There are diverse new methods of optical detection involving combined techniques to deliv‐
er real-time imaging of the sample. In this sense, fluorescence or Raman confocal microscop‐
ies are coupled to time-resolved fluorescence or to Raman spectrophotometers and images
obtained can be evaluated in terms of concentration, energetic processes, charge transfers
and localized events.Once detection methods and finality of the biosensor are defined, the
size scale must be determined and, then, convenient materials for the construction of the bi‐
osensor must be selected and tested.

With respect to materials, it is important to consider environmental, economical and sustain‐
able issues when choosing the ideal material combination for a biosensor. It is important to
elect safe and ease of processing materials that can lead to a cheap method of fabrication
and, in addition, can be recycled. Also, it needs to be chemically stable and permits a good
selectivity and sensibility to the biosensor. Thus, the functional nanostructures can be com‐
posed of metals, semiconductors, magnetic materials, quantum dots, molecular or polymeric
dyes and some hybrid materials, proposed to achieve any specific property that is an issue
in other materials. [62]

Electrodes must be also adequately elected, with respect to work function as well as to proc‐
essing. Usually, gold surface is preferred due to its possibility of modification with sulfur
containing biological elements, such as SH-protein and antibodies, but also due to its optical
and low potential properties, which enables refractive index measurements by several tech‐
niques, as mentioned in previous sections. Nevertheless, there are some alternative electro‐
des, such as metal-modified carbon electrodes, as those described by Wang et al. in which
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carbon electrodes were modified with rhodium [63], ruthenium [64] and platinum [65] to
achieve lower potentials. More recently, some works presented Indium Tin Oxide thin lay‐
ers as alternative electrodes for optoelectrical biosensors, with transmittance similar to the
glass substrate. In their work, Choi et al. [66] showed that a 100 nm thick ITO layer as elec‐
trode permits simultaneous optoelectric measurements to record optical images and micro‐
impedance to examine time-dependent cellular growth.

Transduction methods are responsible for the identity of the biosensor and, thus for address
their applicability. Since the first step on the optical transduction in a biosensor is the chemi‐
cal interaction between the analyte and the indicator phase (the recognition element) that
will produce the optically detectable signal, it is critical because it will determine the biosen‐
sor stability, selectivity and sensitivity as well as the optical region in which the effect will
be observed and the best detection means. Also, it is important to take into account whatev‐
er the biosensor will be used in continuous measurements or in simple detection. It will in‐
form if strong interactions will be needed and in what conditions the biosensor can be
employed. If chemical reactions are the signal origin, such it is in catalysis-based biosensors,
an immobilized enzyme is preferred, once it can permits steady-state measurements to ex‐
plore the sample. In this case, high selectivity can be achieved using antibodies as reagents
and basing sensing on competitive binding. Also, methods to immobilize the recognition el‐
ement include adsorption on solid substrates, covalent bonding to a substrate and confine‐
ment by membranes with selective permeability. [67]

In optical fiber-based biosensors, immobilized recognition elements are also needed, as well
as the optical fiber to enable remote measurements. The immobilization technique and the
reagent must be well selected to avoid undesired effects such attenuation on fiber´s trans‐
mission efficiency, coupling of light into the fiber and attenuation characteristics of the fiber
itself. Nevertheless, this is a good choice for transduction since it enables a range of photo‐
physical processes to be detected, including light absorption, absorption followed by lumi‐
nescence, light reflection and scattering, among others. Optical instrumentation is then
selected, based on the most important photophysical effect. [68]

Finally, when proposing a biosensor, it is always good to make two considerations: first,
nanoscaled materials are not really small to living bodies, they can be sensed as intruder‐
sand be attacked and second, biosensors, in some way, will be employed in a living body.
Issues related to toxicity, lifetime, stability, durability, mechanical properties, body adjust‐
ment, coherence and adaptability must be evaluated by a scientific and systematic method.
It is not unusual to find information that was mistakenly collected, and conflicting results
can be found on the same subject, leading to confusion. For example, carbon nanotubes are
said to be health safe, nevertheless it is known that their structure is very similar to that of
asbestos, great villain to miner´s lungs. Actually, aspired nanosize fibers of asbestos are rec‐
ognized by the lung cells as an aggressive agent, which can cause lung cancer, pleural disor‐
ders, pleural plaques, pleural thickening, and pleural effusions. Another aspect is that
asbestos present some properties such as electricity insulate and is a chemically resistant
material and it is quickly incorporated in many materials.
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4. Applications of biosensors

Biosensors find various applications, limited only by the creator´s imagination. Since they
can be constructed on unlimited configurations, based on the most diverse detection and
recognition methods, employing a whole world of polymeric materials, biological elements,
luminescent organic and inorganic molecules, in film form or solution, their application can
be as numerous as the elements combinations on their construction.Some of them can be
numbered:

• Medicine development: for example, cellular biosensors are engineered to optically report
specific biological activity. Since they employ living cells in their construction, they can be
used to form a “data basis”of cell behaviour when in the presence of several actives,
which can be used for design new drugs and medicines.

• Drug Abuse or addiction: detection (and quantification) at nanoscale are possible due to
the recent biosensors development. This feature is essential in the determination of the
limits at which a person can be susceptible to addiction reactions. In this way, biosensor
can limit whether a drug can be used in therapeutics, avoiding the addiction. Further‐
more, DNA biosensors act as potential detection devices for investigation of DNA–drug
interactions, which can be used to elucidate the addiction mechanisms.

• Clinical diagnostics: this must be the most moving topic for the biosensors development.
They are capable of detecting single-nucleotide polymorphisms, which are caused by
gene mutations. Faster detection methods are developed every day, aiming the early de‐
tection of breast cancer, prostate cancer, AIDS, genetic diseases, bacterial and viral infec‐
tions. Although clinically relevant point mutations are detected by piezoelectrical
biosensors, optical biosensors also had a large contribution, especially the FRET-based bi‐
osensors, which are able to identify minor changes related to these mutations and permit
the construction of nanodevices, a feature that has been attractive due to the possibilities
offered by the nanoscaled biosensors perspective.

• Genome analysis: biosensors are able to inform about the interaction nature between pro‐
teins, peptides and DNA sequences present in the gene and identify it.They can also be
used in genetic-engineered products proposaland in newdrugs development.

• Food Quality control: Toxins, microbes, bacteria, fungal contamination are all detectable
by optical biosensors, as presented in former sections. In this way, they provide a mecha‐
nism of controlling the quality of food and industrial processes involved, contributing
with the industrial development of preventing processes. Biosensors are also useful in
monitoring fermentation processes, being applied on the food and beverage fabrication
processes.

• Industrial microbiology monitoring: these analyses are indispensible in cosmetic and
pharmaceutical industries, among others. By using biosensors, they can be accomplished
in real time, avoiding product contamination and possible destruction.
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• Good fabrication practices: nanobiosensors in the strategic steps of a product fabrication are
able to detect minimum defects that could lead to the final product mischaracterization.

• Environmental safety: within this focus, biosensors can be useful for determining the type
and concentration of contaminants present in an environment in which non specific stud‐
ies or determinations had been previously made. Also, they find application on monitor‐
ing aspects changes of the considered environment and, in this case, the objective is to
track the concentration of known contaminants over time at one or more defined loca‐
tions. Employing biosensors to do this task, confers them one more important advantage,
which consists of using their ability to provide continuous measurements of the environ‐
ment, enabling for instance, the full characterization of contaminated sites. The environ‐
mental monitoring can be extended to systems such soil, water sources, such as ground
water wells, rivers, lakes, and can be extrapolated to industrial factories on monitoring
water treatment stations. [61]

• Agriculture and cattle monitoring: biosensors can be used to monitor the cattle, in a way
to protect it from mad cow disease or foot and mouth disease (FMD) guarantying the
quality of the meat, as well as fungal contamination of vegetables, enabling prevention
and the health growth of the plants. Also, it enables the correct application of pesticides
and fertilizers, at controlled amounts per field size, by recognizing the effect of quantities
of these compounds in different types of soil, places with distinct sun, rain or wind expo‐
sure, natural factors that cause a variation in the concentration limits or bring about new
compounds to the site. In this approach, in situ biosensors would provide feedback to
farmers on how to maintain their culture healthy.

• Military defense: hazards biomolecules, such as salmonella, anthrax, the H1N1 influenza
virus, in the military defense point of view can represent a threat, since they can be con‐
sidered powerful weapons in terrorists hands. The Salmonella bacteria fiber optic biosen‐
sor, developed by Zhou et al. [69] in the late nineties, for example, is able to detect this
pathogen in food and water, with a sensitivity as low as 104 cell colony forming unit/ml.

• Microfluidic sensing and implantable biosensors: microfluidic technique is based on the
fact that all biological molecular reaction takes place in liquid environments. The micro‐
fluidic channels work as a guide for fluids and biofluids carrying the target or the sample
to be tested by the biosensor. The microfluidic technique provides a controlled flow of
quantities of fluids, in microscale, containing desired compounds. As they intend to pro‐
vide information on biological living systems, they usually employ as fluidic carriers buf‐
fers, aqueous suspensions of analytes (proteins or antibodies), bacterial cell suspensions,
and even whole blood samples. Microfluidic devices and implantable biosensors fabrica‐
tion are intimately related by the fact that both need to be fabricated using biocompatible
materials. Many are the options to achieve the biocompatibility suggested and usually
choices are between mimetic or inert materials. The most common inert materials em‐
ployed are polydimethysyloxane, thin laminated plastic components made of polyimide
or poly methylmethacrylate and conductive electroactive polymers combined with hydro‐
gels. These are interesting due to the fact that they give rise to a class of multifunctional,
bioactive polymers which are proposed aiming several biotechnological applications. As
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showed by Guiseppi-Elie, [70] when polymers such as polypyrrole and polyaniline are
combined to hydrogels, they generate bioactive polymers that act as bioreceptor hosting
membranes of enzyme-based implantable biosensors.

• Aging research: optical biosensors based in fluorescence and bioluminescence emissions are
proposed as devices for monitoring certain hormones dosage in the living body, as well as
the release and the action of drugs administrated via dietary paths in these hormone levels.
[71] The proposal is that an implantable biosensor could, in periods of days or even in the
lifespan of an individual, inform about hormone fluctuations and valuable insights into the
mode of action of the intervention could result from this monitoring. It is well known that in
dietary  restriction  and  other  interventions,  hormones  such  as  insulin  show profound
changes. To be able to continuously monitor blood levels of these hormones, drugs or other
factors by less invasive methods, could allow, for example, the adjustment of the hormone
levels, retarding aging processes and preventing aging diseases.

5. Insights into the future

The first insight that is important to consider must be whether there are or not advantag‐
es in developing such a variety of biosensors prior to conventional detection systems. The
most important advantage that one can think of refers to quick and in vivo early detec‐
tion of  severe  conditions,  which will  lead to  mature  diagnostics  at  the  earlier  stages  of
diseases that  today are challenging.With that  and searching for  utilizing all  information
on materials and techniques earned from scientific issues of other natures, such as utiliz‐
ing the supramolecular chemistry to design new materials and coupled methods of detec‐
tion that confer richer and reliable information, biosensor development contributed to the
development of  a  number of  research fields with some common interests.  For  example,
more accurate information on microfluidic electronics to build sensors;  new organic,  hy‐
brid and inorganic materials with interesting physical, chemical and morphological prop‐
erties  needed  to  be  proposed;  better  methods  to  prepare  homogeneous  and  thin  films;
new supports and electrodes are constantly demanded; new techniques for characteriza‐
tion and properties evaluation, which ask for improvements and new approaches to ex‐
ploit  all  features  of  biosensors;  new  methods  of  modification  and  immobilization  of
biological elements, to cite some of these contributions.

Now, even greater perspectives are lying in the biosensor´s development into the nano‐
technology approach. It  had been demonstrated that the use of nanobiosensors can pro‐
vide several  advantages not  yet  considered for  conventional  systems.  They can be built
under the nanoscale limit,  they need to use similar  materials  to those used in the large
scale devices, but in much smaller sizes. We know for sure that nanoscaled materials pro‐
vide quite distinct properties, which could generate distinct biosensors, maybe even more
sensitive and selective biosensors. For example, metallic nanoparticles have their bandgap
energies  widen at  nanoscale,  which turns  to  be  a  very  important  optical  effect,  since  it
generates a quantum confinement expressed by the observed spectral blue-shifts; magnet‐
ic materials show super magnetic behavior at nanoscale [72, 73, 74] other semiconducting
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nanoparticles  present  tunneling and Coulomb blockade effects  [62]and all  these  impres‐
sive properties are not observed for the same thick materials. Some properties are clearly
added to the biosensors processed at nanoscale, along with some thought advantages. The
first ones that come directly to our minds are the possibility of using a reduced amount
of materials  in the device construction;  reduced power is  needed to make biosensors to
work and,  with  it,  they  can  be  thought  as  portable,  once  they  do  not  require  a  power
source ratter then a small battery; they can be more stable with time; easier to recycle or
dispose and, of course, since in nanoscale, we are leading with some new properties, it is
expected that the nanobiosensors produced might posses new properties and so, new ca‐
pabilities.  With  respect  to  detection  and operation  of  these  devices,  detection  processes
thought to be simpler and faster,  in constructions that tend to be more friendly, since it
do not need bulky detection systems, conferring also the direct advantage of low cost of
construction.

Nanobiosensors are thought to be as simple as possible, so, in the most recent proposed
devices, the more acceptable approach is the label-free nanobiosensor. In this way, in a bi‐
osensor, the recognition element does not need to interact with other molecules or labels.
There is no need to target the analyte or activate the biosensor by processes as conjuga‐
tion  with  an  enzyme,  resonant  energy  transfer  to  generate  the  desired  fluorescence,  or
chemical processes generated by the incorporation of molecules in order to functionalize
the recognition element to produce a luminescent response,  and others.  In these biosen‐
sors,  the probe and target-binding or substrate reactions are expected to be recorded by
the transducer in the absence of any labelrequirement. Nevertheless, applications of such
nanodimensioned devices are of a great variety, it is evident that the major target is the
diagnostic and medical ones. Since these biosensors consist of a nanoscale detection meth‐
od, they can sense target molecules in very low concentration into the body, which con‐
sist of a key factor in early detection of diseases such as breast cancer and AIDS. In fact,
this is the idea behind the home method to detect AIDS, the OraQuick® HIV test present‐
ed by Orasure Technologies Inc. Their portable sensor comprises a visually read, qualita‐
tive flow immunoassay for the detection of antibodies to HIV-1 and HIV-2. In the device,
HIV-1 and HIV-2 antigens are immobilized on a nitrocellulose strip and reactive antibod‐
ies are visualized by colloidal gold labeled with protein-A. The oral fluid are collected di‐
rectly on the device and the positive test  appears within 20 minutes as a purple line at
the visor.[75]

Nevertheless,  a  point  that  needs  to  be  made  is,  clearly  miniaturization  is  the  focus  of
many research that have been conducted in this theme, but it also can bring about some
undesired properties, which need to be taken into account when engineering a biosensor.
It  means  that  not  everything  in  nanoscale  is  adequate.  One  must  have  in  mind  which
problem needs an answer, otherwise there is no scientific method, only the old fashioned
“accidental discovery”.
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1. Introduction

There are a vast number of applications for biosensors ranging from medical monitoring
and control, to release of drugs [1], and biosecurity [2]. The goblal market for biosensors in
2012 is estimated to reach 8.5 billion USD and projected to reach 16.8 billion by 2018 [3]. Po‐
rous silicon (p-Si) offers several advantages for its use as a biosensor such as a large specific
surface area (of the order of 500 m 2 cm−3) [4], visible luminescence at room temperature [5]
and biocompatibility [6]. The p-Si was accidentally discovered when, in 1956 at the U.S. Bell
Laboratories, Arthur Uhlir Jr. and Ingeborg Uhlir observed a red-green film formed on the
wafer surface while trying a new technique for polishing silicon (Si) crystalline wafers. At
the time however, it was not considered an interesting material. But when Leigh Canham in
1990 [5] discovered its visible luminescence properties, researchers started studying its non‐
linear optical, electric and mechanical properties. These academic and technological efforts
have permitted the fabrication of uniform porous layers with diameters as small as one
nanometer, permitting an enormous inner surface density, which is useful for biosensing ap‐
plications. Several techniques exist to form this structure from a pure silicon crystalline wa‐
fer. The most popular is the electrochemical etching of crystalline silicon wafers (c-Si) [5].
Anodization begins when a constant current is applied between the c-Si wafer and the elec‐
trolyte by means of an electronic circuit controlling the anodization process [6].

Generally, p-Si is fabricated as shown in figure 1. We have a c-Si wafer (single crystalline) with
the top face in contact with a hydrofluoric acid solution (HF) and where an immersed plati‐
num electrode is placed at certain distance and parallel to the wafer. In the bottom face of the
wafer we find a flat metallic electrode that is in close electric contact. Between the two electro‐
des there is a controlled voltage supply with its negative pole connected to the platinum
immersed electrode. A current is established from the anodic electrode (back of the wafer) and
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the catodic electrode (platinum immersed). Modulating four variables: the intensity and interval
of application of this current, the HF solution concentration, and the concentration and type
of dopant previously applied to the c-Si wafer (type-n, type-p, or highly doped: type-p+ and
type n+) it is then possible to control the porous size and p-Si layer geometrical parameters, as
well as the number of layers. Dopant refers to a different element atom that replaces a percent‐
age of the Si atom inside the wafer and that is crystallographically compatible with it, but that
presents an electron in excess (type n) or an electron lack (type p). This introduces a number
of properties that modify the material behavior when an electric field is applied, mainly the
resistivity, that will influence the etching process performance.

The electric current oxidizes the surface silicon atoms permitting a fluoride ion (formed in
the HF solution because of the electrical current) attack on them generating the pores. By us‐
ing this electrochemical methodology it is also possible to create multilayer structures by al‐
ternating different current densities. For instance, if we start making the first layer with a
current density J1 then the final porosity (and the refractive index) is going to be approxi‐
mately determined by this current density. The electrochemical reaction time determines the
thickness. By switching the current density to a different value J2, the reaction mainly con‐
tinues at the crystalline silicon interface, leaving an almost intact first layer. Then the second
layer will have a different refractive index and thickness (if we readjust the reaction time).

Figure 1. Experimental setup for porous silicon fabrication.

The figure 2 shows two structures that we fabricated from electrochemical etching of porous
silicon. A luminescent monolayer made from p-type silicon wafers with a resistivity of 1-2
Ohm/cm (Fig. 2 a), and a multilayer prepared from p-type silicon wafers with a resistivity of
0.001-0.005 Ohm/cm (Fig. 2 b). Notice that by changing the dopant concentration, which is
relate to the electrical resistivity used, the characterisitics of the p-Si structures differ. High
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resistivity crystalline silicon wafers give us higher porosities and small nanowires related to
a given luminescent behavior. In turn, low resistivity allows us to achieve multilayers structures.

After the electrochemical etching stage, the surface of p-Si is hydrogen-terminated; this per‐
mits to immobilize large amounts of biomolecules [7]. It is possible to control several param‐
eters of p-Si such as; pore size and consequently the refractive index, thickness, morphology,
etc. by modifying the anodization conditions [6, 11]. Porosity can be measured by gravimet‐
rical means. That is, the original crystalline silicon wafer is weighed first, then p-Si is formed
and the wafer is weighed again, finally the p-Si layer is removed by adding KOH (Potassi‐
um hydroxide) and the wafer is weighed once more. With these three measurements is pos‐
sible to determine the porosity. To measure the thickness, SEM (scanning electronic
microscopy) techniques are normally used giving the best resolution and accuracy. Refrac‐
tive index is usually determined by optical interference methods, where the refractive index
can be estimated by taking adjacent maxima or minima from interference fringes coming
from the p-Si sample.

Figure 2. Crossectional SEM images of porous silicon nanostructures. A luminescent monolayer (a) and a multilayer
(b). These strucutures were prepared at CIE-UNAM porous silicon laboratory.

There are other methods for obtaining p-Si such as the photoelectrochemical [5], the chemi‐
cal vapour etching [8], the metal-assisted etching [9], and the ‘stain etching’ procedure [10].
The last two techniques mentioned do not require an electrical bias. In the stain etching pro‐
cedure the power supply action is replaced by the chemical oxidant action of nitric acid. The
reaction control is performed trough the addition of other additives. The results are less ho‐
mogeneous than for the first process described, but they still permit to have the material
quality compatible with several applications. As an example in figure 3 we show SEM im‐
ages of a p-SI monolayer obtained by metal assisted etching of gold nanostructures and sub‐
sequent chemical attack of an HF/H202 electrolyte.
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Figure 3. SEM images of gold nanostructures (a,b) used to fabricated a porous silicon monolayer. We show the sur‐
face (c) and the cross sectional (d) images. These structures were prepared at CIE-UNAM porous silicon laboratory.

The p-Si material can be prepared either in powder or wafer permitting to elaborate devices
that can be dispersed in a given medium or reused [12]. Furthermore p-Si is a material that
allows the fabrication of high quality photonic crystals [13] by applying the method descri‐
bed before to obtain multilayers structures. Such characteristics therefore allow several bio‐
sensing approaches usign this porous material [1].

2. Porous silicon biosensors: construction and transduction principles

The aim of a biosensor is to produce either discrete or continuous signals, which are propor‐
tional to a single analyte or a related group of analytes [14]. Because of its particular proper‐
ties, the p-Si can be used as a transducer to convert this analytes into an optical or electrical
signal [1]. Its large surface area enables an effective capture of the biological analytes al‐
though such a large surface area also implies high reactivity with the enviroment. This can
cause the degradation of the biosensor and/or possible false positives. For this reason, stabili‐
zation of the p-Si surface via an appropriate surface chemistry is a required step for obtain‐
ing a succesful biosensor [15]. The surface chemistry should be designed in such a way as to
obtain the desired effects, and yet still displaying bioactivity [16]. Also the binding affinity with
the studied analytes must be taken into account [15, 17]. Some common techniques to function‐
alize p-Si include: oxidation [18, 19, 20], silanization [1, 15, 21, 22, 23, 24, 25], hydrosilylation
of alkenes and alkynes [27, 28], radiation [29], and other chemical approaches [15, 16].

A proper pore-size distribution helps to achieve an efficient biosensor; p-Si fabricate from p+
and n+ -type silicon substrates is mesoporous, and suitable for immobilisation of biomacro‐
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molecules, while p-Si from p-type substrates, whose pore diameter is of the order of a few
nm, is suitable only for very small molecules [12]. Macroporous p-Si from n-type substrates
may accommodate larger molecules [12].

Once the appropriate chemical functionalization and porous distribution size is obtained, the
challenge then becomes transducing the recognition of the biological analytes into a measur‐
able signal. The requirements for efficient transduction are precision (same response to the
same stimuli: repeatability) and accuracy (indicating magnitude value as close as possible to
the real magnitude of the stimulus to be sensed: minimum absolute error spread) [30].

In general, the most common transduction techniques include piezoresistance, piezoelectric‐
ity, capacitive, resistive, tunneling, thermoelectricity, optical and radiation-based techni‐
ques, and electrochemical methods [31]. In the case of p-Si biosensors the most frequently
used tecniques are optical and electrical/ electrochemical [1]. Here, we classified the p-Si bio‐
sensors depending on the transducing mechanism in optical and electrochemical contexts.
Their characteristics and some related examples are detailed in the following sections.

3. Types of Porous silicon biosensors

3.1. Optical p-Si biosensors

Chemical or biomolecule detection can be based on changes in the optical spectral interfer‐
ence pattern [22, 23]. When white light passes through the p-Si an interference pattern is ob‐
served, this effect is called a Fabry–Perot fringe pattern, the binding of molecules induces
changes in this pattern which are relate to a change in the refractive index of the p-Si [22].
This change is shown by a shift of the fringe pattern that can be quantified [22]. The effect
depends on the refractive index value of the analized solution but also on how it penetrates
into the pores [11]. The simplest kind of such p-Si biosensors is made of mono and double-
layer films [1]. Some biological systems studied with these biosensors are: DNA hybridiza‐
tion [22, 32, 33], antibody cascading and the prototypical biotinstreptavidin interaction [22].
Using an analogous optical transduction modality it is possible to build p-Si biosensors with
others complex optical structures as multilayer devices [6, 30].

These can be built up by alternating the applied current densities during the electrochemical
etching generating a periodic or quasiperiodic combination of refractive indices [6]. This
kind of structures offers better reflectance spectra (without side lobes) if compared with a
mono or doubled-layered structure [30]. The etching parameters must be chosen to accom‐
modate the analyte of interest whilst maximising the optical response. Some of the p-Si opti‐
cal structures used in biosensing are: 1D photonic crystals [35, 36], rugate filters [37],
microcavities [6, 38] and quasicrystals [39]. The use of these optical structures in biosensors
allows integrability of all optical components and do not require electric contacts [11].

The photoluminescence properties of p-Si are also useful mechanisms for developing biosen‐
sors. It is possible to associate the amount of analytes studied with the changes in the photo‐
luminescence spectra [1, 40, 41]. For example the quenching in the photoluminescence spectra
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after DNA deposition was used to study the transduction of DNA hybridization [42]. In this
case the behavior was attributed to non-radiative recombination processes [1]. In recent years
a successful implementation of this type of biosensor was obtained [6, 32, 42, 41] however until
now this kind of biosensor is less accurate than its interferometric counterparts [1].

In a similar way the amount of an analyte of interest can be quantified by measuring the flu‐
orescence signal intensity of a fluorescence molecule used as a marker fixed at a p-Si struc‐
ture before and after an analyte is located into the p-Si [43].

We offer two comprehensive case examples to illustrate how the optical p-Si biosensors
work. The first example is a sensor of a fluorescent molecule: fluorescein-5-maleimide (FM),
by using a 1D photonic crystal or Bragg mirror [44]. The basic mirror was made by alternat‐
ing layers of high (2.83) and low (1.65) refractive indexes, with a first layer that allows a
good penetration of the active molecule into the porous structure. The surface of the first
layer was functionalized by silanization with 3-mercaptopropyl)-trimethoxysilane (MPTS)
to link the fluorescent molecule. The silicon mirror was fabricated in order to achieve a re‐
flectance spectrum in a range that overlaps the fluorescent excitation of the molecule. The
samples were analyzed by fluorescent spectrometry. The emission signal from fluorescent
molecules was enhanced because of the p-Si mirror. That is, the p-Si structure provided a
platform for high-sensitivity measurements. This biosensor uses two different detection
platforms by using reflectance measurements as we show in the figure 4 and by analyzing
the fluorescent spectrum as it can be observed in the figure 5.

Figure 4. Reflectance spectra for freshly etched (thin line), silanized (normal line), and functionalized (thick line) mir‐
rors. Vertical lines correspond to wavelength of excitation of 491 nm and emission of 521 nm of the FM molecule in a
phosphate solution. Uncertanties in the reflectance intensity and wavelength were of ±2% and ±1 nm, respectively [44].
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Figure 5. Fluorescence emission of FM molecules deposited on the MPTS functionalized surfaces. Monolayers corre‐
spond to sample m45 and m70 (no mirrors). Sample M45 shows the best fluorescence signal. Fluorescence emissions
of FM in solution are shown in the inset for comparison; the concentrations for each spectrum from left to right, are
0.37, 0.7, 1.2, 3.77, 5.39, 7.7, and 11 mM. Uncertanties in fluorescence intensity and wavelength were of ±0.1% and
±1 nm, respectively [44].

The second example is a microcavity [45]. This microcavity is formed when a luminescent p-
Si layer is inserted between two Bragg reflectors made of p-Si. The broad luminescence band
is altered and very narrow peaks are detected. The position of these peaks is extremely sen‐
sitive to a small change in refractive index, such as that obtained when a biological analyte is
placed in the large internal surface of p-Si. A DNA biosensor was developed by using such
an oxidized microcavity [45]. After successful silanization of the p-Si surface, DNA was im‐
mobilized into the porous surface through a careful diffusion. Finally, the DNA-attached
wass exposed to its complementary strand of DNA (cDNA). A red-shift in photolumines‐
cence is observed. Full-length viral DNA molecules were also detected with the microcavity
biosensor [45vis]. The advantages of optical sensing are significantly improved when this
approach is used within an integrated optics context [46].

3.2. Electric and Electrochemical P-Si biosensors

The highly sensitive surface of p-Si and the possibility to measure changes in its electrical
properties added to its capacity to adsorb an enormous amount of different compounds, can
be used for electrical biosensor applications [47, 48]. These approaches consider the use of
electrical contacts on the p-Si layer made by metal deposition to measure the changes in the
electrical properties such as capacitance and conductance when an analyte is attached to the
p-Si layer [49]. An example of this type of biosensor is a macroporous sensor to detect DNA
hybridization by characterizing the difference between the dipolar moment in p-Si layers
with and without the analyte [47]. Another DNA detector of nanoporous silicon biosensor is
described in reference [50]. This biosensor is an electrochemical device that transduces the
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hybridization of DNA into a chemical oxidation of guanine by Ru (bpy)2+ 3, the reduced
form of which is then detected electrochemically.

Another effective platform to develop a p-Si biosensor is by applying electrochemical char‐
acterization. There are two main types of electrochemical transduction in biosensors: poten‐
tiometry and amperometry/voltammetry [12].

In potentiometryc biosensors the main parameter is the potential difference between the
cathode and the anode in an electrochemical cell [51, 52]. This difference can be transduced
as an electrical signal [12]. Amperometric and voltammetric biosensors consider the redox
reaction that takes place in the anodization cell when an analyted of interest is placed. In
this case the analyte is immobilised and an analyte oxidation/reduction process produces a
flux of electrons measured, in terms of current intensity, cross the electrodes of the electro‐
chemical cell [12]. These biosensors are too sensitive to pH modifications [51].

Examples of these sensors are the potentiometric and amperometric urea sensor based on
nanoporous silicon technology described by Joon-Hyung Jin et al [52]. One of the electro‐
chemical devices consists on three thin-film electrodes patterned on p-type silicon wafer by
using platinum RF sputtering and silver (Ag) evaporation. The working electrode, on which
the urease is inmobilized with a polymeric conductor: polypirrole (PPy) is sensitive to urea
dissolved in artificially made electrolyte solution. The reference electrode is p-Si -based Ag/
AgCl thin-film reference electrode (TFRE). The other is a platinum (Pt) thin-film counter
electrode. In a potentiometric urea sensor, urea concentration is related to the measured po‐
tential applied between the working and reference electrode according to the Nernst equa‐
tion. The other device is developed under amperometric regime. In this case the urease-
catalyzed hydrolytic reaction of urea causes current flow between the working and counter
electrode and the amount of current flow is proportional to the urea concentration that rep‐
resents a change of pH, which is based on the Cottrell equation. In this study [50] it was
found that urea sensitive electrodes (PSUE’s) and Ag/AgCl TFRE’s based on p-Si layers pro‐
vides better adhesive strength between thin-films, and silicon-based electrodes. This reduces
the leaching out of TFRE components and enhances the sensitivity of a sensing electrode.
The presence of carbon, nitrogen and sulfur, which were attributed to the urease-doped PPy
films were confirmed by EDX characterization. The p-Si-based Ag/AgCl TFRE can be recom‐
mended as an ideal non-polarizable reference electrode to determine the electrochemical cell
potentials and currents of sensing electrodes. Amperometry for monitoring the urea concen‐
trations caused by urease-catalyzed reactions is superior to a potentiometric method in that
the amperometric urea sensors gives a longer linear range, higher sensitivity and shorter re‐
sponse times than the potentiometric urea sensors, especially at low urea concentrations.

Another very interesting application of porous silicon biosensors is for liver diagnosis [53].
Min-Jung Song et al presented a study of a biosensor array system consisting of cholesterol,
bilirubin and glutamate sensors. The p-Si electrochemical system consisted of porous silicon
layers formed on each working electrode that increased greatly the effective surface area. The
electrodes in the sampling wells minimized a cross-interference effect to permit multiple
sampling by immobilization of the enzymes using a silanization technique. The biosensor
arrays tested used aqueous samples of the enzymes prepared in a 50 mM phosphate buffer
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solution (pH 8). All measurements were performed at room temperature at amperometric
detection regime of each sensor was carried out using at a potential of +0.6 V vs. Ag/AgCl for
the biosensors of the hydrogen peroxide generated in the silanized layer where the enzymat‐
ic reactions occur. In general, normal cholesterol concentrations in the human do not exceed
200 mg per 100 ml [53]. Higher cholesterol concentrations are considered abnormal.

In this case, the current detected is linearly proportional to cholesterol concentrations in the
range of 1 mM to 50 mM; sensitivity was measured at approximately 0.2656 µA/mM. The
bilirubin calibration curve covers a large concentration range between 0.002 mM and 0.020
mM, which includes normal levels (0.2 ~ 1.0 mg/dl), and levels typical of abnormal serum
bilirubin. The sensitivity of the calibration curve approximated 0.15354 mA /mM. The detec‐
tion of the ratio of alanine aminotransferase (ALT) and aspartate aminotransferase (AST)
that in human serum indicates an abnormal symptom of the liver is also based upon electro‐
chemical oxidation at the Pt electrode surface. Since L-glutamate is a product of both ALT
and AST reactions occurring in the buffer solution, the enzyme activities can be determined
from the current changes at the L-glutamate sensor. On average, the serum ALT and AST
levels measured in healthy people by optimized conventional ALT and AST assays approxi‐
mates 10 U/l at 25 ˚C and any increase in enzyme levels that exceed 100 U/l is taken to indi‐
cate liver disease. The sensitivity determined from the semi-logarithmic plot approximated
0.13698 µA/(U/l) for ALT over the range of 1.3 U/l to 250.0 U/l. For AST, the sensitivity was
about 0.45439 µA/(U/l) in the same concentration ranges as for ALT.

This device offers several important advantages which include

1. readout within minutes from application of microvolumes of sample,

2. reduced physical dimensions of the device,

3. relative stability of the reagents used, and

4. simple electronics applicable to the further development of a hand held device useful
for point of care biomarker liver analyses.

In the following paragraph we will  describe in  detail  an example of  an electrochemical
sensor [48].

Porous silicon samples were prepared from p+-type, boron doped silicon wafers with a re‐
sistivity of 0.008-0.012 Ohm cm by standard anodization (electrolyte: 15% of HF) at a current
density of 30 mA.cm-2. The porosity measured by the gravimetrical method was approxi‐
mately 62%. The pore size was estimated by TEM and ranged from 50 nm-75 nm in diame‐
ter. These diameters are large enough to allow the sensing molecules to penetrate and
attach. For DNA, the diameter of the nucleotides is approximately 5Å, which is small
enough to fit into the porous matrix. Stabilization of p-Si is necessaryto passivate its surface
and this was done by thermal oxidation. Thermal oxidation of p-Si requires several precau‐
tions and high temperatures (>700ºC). Covering the whole internal surface with a thin SiO2

layer stabilizes the structure, permits water penetration into the pores and facilitates probe
and target penetration [54]. Al l p-Si samples were thermally oxidized in oxygen ambient at
900ºC for 10 minutes.
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The electrochemical instrumentation used for these experiments included a BAS 100B/W
Electrochemical Analyzer and a BAS VC-2 voltammetry cell (model MF-1065). It is well suit‐
ed for small sizes and has a special micro-cell for volumes as small as 50µL. The micro-cell,
which included the working electrode, separated a small volume containing the sample
from a bulk solution containing the reference and auxiliary electrode with a salt bridge. A
platinum wire served as auxiliary electrode and the modified p-Si samples function as
working electrodes. It is important to mention that p-Si, especially oxidized p-Si, is not con‐
ducting and it is in fact the p+ doped silicon that was conducting the electrical current. The
top area of the exposed PSi samples was 0.8 cm2 and all lateral areas were insulated with a
commercial epoxy resin (see figure 6). The epoxy resin was deposited very carefully and
dried for one hour. The samples were attached to the electrochemical system as shown in
fig. 6. Potentials were measured relative to an aqueous, saturated Ag/AgCl double junction
(reference electrode). The voltammetry experiments were carried out at different scan rates
in an electrochemical buffer solution composed by 50 mM sodium phosphate (pH 7) with
0.7 M NaCl. A schematic representation of the electrochemical measurement set up and the
electrode arrangement is shown in fig. 6.

Figure 6. Measurement system: the p-Si electrode is used as working electrode. A platinum wire is the auxiliary elec‐
trode and Ag/AgCl the reference electrode. Inset: cross section showing the different parts of the working electrode [48].

Three different synthetic oligonucleotides were obtained from MWG Biotech, INC, and have
the following sequences: (probe): 5’-TAI-CTA-TII-AAT-TCC-TCI-TAI-ICA-3’,(target):5’-
GCCTAC-GAG-GAA-TTC-CAT-AGC-T-3’ and (two-base mismatch target):5’-GCC-TAC-
GAG-GAA-TTG-GAT-AGC-T-3. Tris(2,2’-bypyridyl) ruthenium (II) chloride hexahydrate
was purchase from Strem Chemicals. All other chemicals were of analytical grade and pur‐
chased from Aldrich and Fluka. Deionized distilled water was obtained from Millipore.
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The detection of DNA consists of the following steps: p-Si silanization, probe immobiliza‐
tion, hybridization, and voltammetric detection.

Several methods may be employed to bind DNA to different supports [55]. One method
commonly used for binding DNA involves silanization of an oxidized surface. The function
of silane coupling agents is to provide stable bond between two non-bonding surfaces: for
example, an inorganic surface to an organic molecule. 3-glycidoxypropyltrimethoxysilane
was used to silanize the oxidized p-Si A 5% aqueous solution of silane was prepared (pH
4.0). This converts silane into a reactive silanol through hydrolysis. The p-Si samples were
then immersed into the continuosly stirred solution and left overnight. 3-glycidoxypropyl‐
trimethoxysilane is hydrolyzed to a reactive silanol by using double distilled water (pH 4).
p-Si samples were then submerged into silanol solution for approximately 17 hours. Con‐
stant stirring of the solution was necessary to continuously mix the solution.

After successful silanization, DNA was immobilized onto the surface of p-Si through diffu‐
sion. Aqueous solutions of DNA containing 150 µl of DNA (50 µM) were carefully placed
directly above de p-Si layer. The DNA molecules covalently bond to the silanized surface,
where they become immobilized. The samples were then placed in a steam container where
they were heated in an oven at 37ºC for approximately 20 hours. The DNA attached samples
were then rinsed in double distilled water and dried with nitrogen.

The DNA attached to p-Si was exposed to its complementary strand DNA (target), the mis‐
match sequence (mismatch probe) and itself (probe). Binding was allowed to proceed for 1
hour at room temperature into hybridization buffer containing 1 M NaCl, 10-20 mM sodium
cacodylate, 0.5 mM EDTA, 150 mM KCl and 5 mM MgCl2. Throughout the steps, binding
was confirmed using Fourier Transform Infrared Spectroscopy (results not shown here).

Cyclic voltammetry (CV) was carried out having the DNA modified, p-Si electrode as work‐
ing electrode, an Ag/AgCl as the reference electrode, and platinum wire as the counter elec‐
trode. 6 µl of Ru(bpy) 2+ 3 (0.1µM) was poured into 150 µl of electrochemical buffer solution.
After allowing the solution to diffuse into the samples for 15 minutes, CV was performed.
Solutions were deoxygenated via purging with nitrogen for 10 minutes prior to measurements.

p-Si DNA-electrodes and Ru(bpy) 2+ 3 were used for specific gene detection. Ru(bpy) 2+ 3 ex‐
hibits a reversible redox couple at 1.05 V and oxidizes guanine in DNA at high salt concen‐
tration [56] according to:

Ru(bpy)3
2+ → Ru(bpy)3

3+ + e − (1)

Ru(bpy)3
3+ + DNA→ DN Aox + Ru(bpy)3

2+ (2)

where DNAox is a DNA molecule in which guanine has been oxidized by Ru(bpy) 3+ 3. If the
DNA probe contains guanine then Ru(bpy) 3+ 3 will oxidize guanine in DNA, even without
the presence of the target DNA. In order to prevent that the DNA probe reacts with Ru(bpy)
2+ 3 the guanine has been replaced for another less reactive nucleotide. Some previous results
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show that the addition of an oligonucleotide that does not contain guanine produces a small
enhancement in the oxidation current [56]. Those results have shown that the inosine 5’-
monophosphate is 3 orders of magnitude less electrochemically reactive than guanosine 5’-
monophosphate and still recognizes cytidine [56]. This fact is very important to recognize all
four bases in the target sequence. Nevertheless there is a drawback that can have consequen‐
ces on the hybridization efficiency. Since the deaminated hypoxanthine in the ionosine can
only form two of the three hydrogen bonds in a Watson-Crick base pair, it may be desirable
to use a guanine derivative that is redox-inert but capable of forming all three hydrogen
bonds. However some studies have shown [56] that the specificity afforded by inosine sub‐
stitution was sufficient but they propose 7-deazaguanine as alternative. For this reason the
DNA probe sequence does not contain the guanine base but the target does. Figure 7 (top)
shows the CV obtained in solution for the hybrid DNA (probe-target) at different scan rates
(target DNA concentration of 0.5 x 10-10M). Figure 7 (bottom) shows that the anodic current
of Ru(bpy) 2+ 3 is linearly proportional to the scan rate.

Figure 7. (top) Cyclic voltammograms of the probe-target DNA sequence in 0.1 μM Ru(bpy) 2+ 3 solution at different
scan rates (mV.s-1): (1) 20; (2) 50; (3) 80; (4) 100; (5) 200. (bottom) The anodic current changed with the scan rate. The
target concentration was 0.5x10-10M [48].

This result is congruent with a process that is controlled by adsorption. Figure 8(top) shows
the CV (scan rate of 50 mV.s-1) of varied concentrations of target DNA (probe-target se‐
quence, curves 2 to 5) and different targets (probe-mismatch target sequence, curve 1 and
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probe-probe sequence, curve 6). In curve 1, the mismatch target sequence contains two more
pairs of base G than the target sequence and that is why the current in this case is bigger
than the current obtained in the probe-target sequence cases (curves 2 to 5) or the probe-
probe sequence (curve 6). Moreover in curve 6 the current intensity decreases as a conse‐
quence of the absence of the

Figure 8. top) Cycled voltammograms of different concentrations of target DNA: (2) 0.5 x 10-10M, (3) 100 x 10-10M, (4)
200 x 10-10M, (5) 500 x 10-10M. Curve 1 shows the CV for the probe-mismatch target DNA sequence (0.5 x 10-10M) and
curve 6 for the probe-probe DNA sequence (0.5 x 10-10M). (bottom) The anodic current changed with the concentra‐
tion of the target DNA. In all cases, 0.1 μM of Ru(bpy) 2+ 3 was used [48].

base G in the probe. Nevertheless a significant increase in current was observed for curves 2
to 5 where the target DNA undergoes hybridization to the complementary DNA. This cur‐
rent increase suggests that the hybridization was successful and that the electron transfer
from the guanines of the hybridized strand to Ru(bpy) 2+ 3 is responsible for the increase in
the current. In comparing curves 1, 2 and 6 (same DNA concentration but different target
sequence) it is observed that the sensor responds differently to each target and therefore a
good selectivity is achieved. Figure 8 (bottom) shows the anodic peak currents of Ru(bpy) 2+ 3

at four different concentrations (curves 2 to 5). The peaks are linearly related to the concen‐
tration of the target DNA sequence between 0.5 x 10-10 and 500 x 10-10M. The detection limit
of this approach was 5 x 10-11M. The sensitivity achieved in this work is similar to the one
obtained in reference [57], where a sensitivity of 9.0 x 10-11M was reported for a sensor that
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uses gold substrates instead. In summary those results clearly show that the p-Si sensor
shown here has a good selectivity and sensitivity to the target compound, two very impor‐
tant characteristics that a sensor ought to have.

An overview of the requirements for a good performance of a p-Si biosensor was presented
and the generalities of the fabrication of different kinds of these biological sensors as well. In
the next section we will discuss the new materials, uses and future of porous silicon.

4. Future of porous silicon biosensors

Sensors allow our systems and devices to be in relation with the real events that we need to
register or control. So, precision (same response to the same stimuli: repeatability) and accu‐
racy (indicating magnitude value as close as possible to the real magnitude of the stimulus
to be sensed: minimum absolute error spread) are two main requirements for any sensor
when the industry selects a structure type for market use. However, other properties will
define the success of a new kind of sensor in the market. These are: technological compati‐
bility with the existing devices, geometric dimension requirements, low noise insertion, ease
of adjustment and setup, low power consumption, performance standardization (linear if
possible), low thermal or aging characteristic drifts, robustness, reliability, low obsolescence,
and very wide field of applications. p-Si is a material that accomplishes all of these require‐
ments with enough margins to think that it will become increasingly popular in the short
term. For instance, integrated circuits (IC) are made of crystalline Silicon, which means it is
fully compatible for associating a p-Si sensor to any electronic device. The electrochemical
technology used to create a p-Si layer does not collide with the IC lithography. The geomet‐
ric dimensions required to create this type of sensor are sufficiently small to be integrated in
an IC. The homogeneity of the porous and its radius control (internal surface density con‐
trol) as well as its layer stability is improving very fast.

An important factor to take into account in the implementation of a p-Si biosensor is its
chemical stability after sample storage. Due to its high superficial area, p-Si based materials
tends to be oxidized when are exposed to air ambient conditions. This oxidation plus the ad‐
dition of other molecules present in the air ambient could modify the biosensor reponse to
an analyte after certain amount of time. Pasivation techniques and surface functionalization
described before have been proved being successful to prevent or minimize these stability
issues. Work has to be done in order to improve the existing methods and assure the repro‐
ducibility of p-Si biosensors reponse over a lapse time of years.

Porous silicon has proven to be a succesful material for biosensing applications [1, 58]. In
some cases even femtomolar concentrations in biomolecules was demostrated [1]. The wide
range of applications in sensing biological substances include: healt applications [7, 43, 58],
virus detection [43], inmunosensors [59, 1], DNA biosensors [58,60], drug delivery [16], bio‐
security on food [61], biological warfare agents [62], implantable biosensor technology [58],
among others [12, 15, 63]. Some new trends in the fabrication of p-Si biological sensor devi‐
ces are the use of nanomaterials [54]. The sensitivity and performance of biosensors are be‐
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ing improved by using nanomaterials for their construction allowing simple and rapid in
vivo analyses [61]. Recently, the plasmonic properties of metal nanoparticles have been used
to develop a p-Si biosensor that present Ramman enhacement [64]. Another attractive meth‐
od for monitoring biomolecular interactions in a highly parallel fashion is the use of micro‐
arrays. This p-Si novel porous chip was demonstrated as stable and reproducible, and the
fluorescent bioassay reproducibility has been shown [65].

Lately integrated systems of p-Si has been developed [66, 67] e.g a guided mode biosensor
based on grating coupled p-Si waveguide [68].

Another type of biosensensing approach that is appearing is an acoustic wave transducer
that is coupled with a bioelement e.g an antibody. When the analyte molecules (antigen) get
attached to a membrane, the membrane mass changes, resulting in a modification in the res‐
onant frequency of the transducer that can be measured [66]. Rencently p-Si has been pro‐
posed as a good material for this kind of biosensors [64].

Notwithsranding the many advantages of p-Si mentioned during this work, several chal‐
lenges will need to be overcome to be able to make biosensors a viable commercial product.
They fall into two main areas: those concerning the fabrication of p-Si for cost effective and
robust devices, and those addressing the ability to handle real-world sample matrices such
as whole blood [1]. Both are presently the focus of intensive research and it is reasonable to
believe that new and exciting developments will occur in a very near future.
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Chapter 7

Potentiometric, Amperometric, and Impedimetric
CMOS Biosensor Array

Kazuo Nakazato

Additional information is available at the end of the chapter

http://dx.doi.org/10.5772/53319

1. Introduction

In view of the growing concerns about such issues as food security, health care, evidence-
based care, infectious disease, and tailor-made medicine, a portable gene-based point-of-
care testing (POCT) system is needed. For a system that anyone can operate anywhere and
obtain immediate results, a new biosensor chip must be developed. Electrical detection us‐
ing complementary metal-oxide semiconductor (CMOS) integrated circuits has great poten‐
tial since it eliminates the labeling process, achieves high accuracy and real-time detection,
and offers the important advantages of low-cost, compact equipment.

Figure 1. Integrated sensor array. (a) Matrix array arrangement where W and B are word and bit lines, respectively. (b)
Schematic cross section of a sensor cell where n+ and p+ are heavily doped n-type and p-type semiconductors, respec‐
tively, and n-well is the n-type semiconductor region.

Our target is a monolithically integrated sensor array, as shown in Figure 1(a), which detects
all possible biomolecular interactions simultaneously. In each sensor cell, different kinds of
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probes can be formed for parallel detection. In addition, the same kind of probe can be used
to observe the time evolution of the spatial distribution of biomolecular interactions as well
as to improve the detection accuracy since biomolecular interactions are a stochastic process.
In this paper, several biosensor arrays are described based on the detection of electric poten‐
tial, current, capacitance, and impedance.

2. Potentiometric sensor array

The detection of electric potential change based on a field-effect transistor (FET) [1] has
shown excellent sensitivity such as for ion concentration and specific DNA sequences in‐
cluding single-nucleotide polymorphisms (SNPs). There are two detection principles.

One principle is the detection of electronic charge around an electrode and there is no elec‐
tron transfer to the electrode. The gate potential is determined by Poisson’s equation. First, a
probe layer is formed on an FET. Then, target molecules are supplied. Specific molecules are
selectively taken into the probe layer on the FET channel, which detects the molecular
charge in the probe layer. In the case of DNA detection, the probe is single-stranded (ss)
DNA with a known sequence, immobilized on the substrate. When the target ssDNA is sup‐
plied, specific hybridization occurs if the target DNA is complementary to the probe DNA.
Occurrence or nonoccurrence of specific hybridization can be detected by the difference in
charge since a nucleotide has a negative charge on the phosphate group.

The other principle is the detection of chemical equilibrium potential, i.e., redox potential,
accomplished by electron exchange between the electrolyte/molecule and the electrode. Fer‐
rocenyl-alkanethiol immobilized gold electrode is used to detect an enzyme reaction through
a redox reaction. In this case, the gate potential is determined by the Nernst equation.

2.1. CMOS Source-Drain Follower

For the integrated sensor array, the structure must be compatible with CMOS integrated
circuits. Employment of extended-gate electrodes is one solution, as shown in Figure 1(b).
Molecules and/or membrane are formed on the extended-gate electrodes. Our goal is the
realization of a million-sensor array on a single chip. One sensor must occupy a small area,
and consume low power. Since the detection signal is in the order of 1 mV, high accuracy is
essential. To meet these targets, we proposed a new integrated sensor circuit, a CMOS source-
drain follower, where both the gate-source and gate-drain voltages of the sensor transistor are
maintained at constant values [2, 3]. The source-drain follower has the merit of not influenc‐
ing the sensing system since the input impedance is infinite for both DC and AC signals.

The basic circuitry of the CMOS source-drain follower is shown in Figure 2(a). The sensor
transistor N detects the extended-gate electrode voltage VIN. This circuit works as a voltage
follower (VOUT = VIN) with high input and low output impedances. A benefit of the voltage
follower is that the output voltage is independent of device parameters such as threshold
voltage and environmental conditions such as temperature. This circuit also works as a
source-drain follower for sensor transistor N when current I is kept constant.
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Figure 2. (a) Basic CMOS source-drain follower. VDD and VSS are high and low power supply voltages, respectively. (b)
16×16 integrated sensor array with CMOS source-drain followers and peripheral circuits. A heater and thermometer
are also integrated on the chip.

2.2. pH Detection

Many different biosensors have been developed based on pH sensors since various biomo‐
lecular interactions produce protons. Rothberg et al. recently demonstrated a genome se‐
quencing chip that contains 13 million pH sensors on a 17.5×17.5 mm2 die [4].

Figure 3. (a) Two-dimensional image of pH change. There are three faulty sensor units. (b) Cumulative probability of
output voltage, and (c) median ±3σ plot as a function of pH from pH 5 to 9 (black) and pH 8 to 5 (white). The output
voltage is the result after subtracting the initial values in order to eliminate the charge effect from the floating gate.
(d) Cumulative probability of pH sensitivity of individual sensor cells.
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The cumulative probability of pH sensitivity of 16×16 sensor cells with a 100-nm catalytic
chemical vapor deposition (Cat-CVD) silicon nitride layer is plotted in Figure 3. Cat-CVD is
a low-temperature (350°C) process and the deposited silicon nitride is of high quality, simi‐
lar to that obtained by low-pressure CVD [5]. The median pH sensitivity is −41 mV/pH,
which is lower than the theoretical value of −57 mV/pH. The reason for this lower value may
be explained by the oxygen-rich layer on the Si3N4 surface [5].

2.3. DNA Detection

Using the integrated potentiometric sensor array, preliminary experiments on DNA detec‐
tion were performed. Gold extended-gate electrodes were used to immobilize the probe
DNA. Immobilization of a 5'-thiol-modified 20-mer oligonucleotide, and hybridization with
the complementary oligonucleotide were detected in a 1 mM phosphate buffer (pH 7.0), as
shown in Figure 4. Biomolecular interactions were observed as the time evolution of two-
dimensional distribution. Maximum voltage change was 80 mV for immobilization and 40
mV for hybridization. In this experiment, the uniformity of biomolecular interactions was
not good. Long-term drift of the sensed voltage was observed as 30 mV/h.

Figure 4. Preliminary experiment on DNA detection using a 16×16 potentiometric sensor array. (a) Experimental set‐
up. (b) Output voltage change before/after immobilization and (c) before/after hybridization.

The drift was reduced to 2 mV/h when Cat-CVD silicon nitride was deposited on the ex‐
tended-gate electrode. DNA detection was also performed using the silane-coupling method
for probe immobilization on Cat-CVD silicon nitride. The results show voltage changes of
around 100 mV for probe immobilization, 12 mV for hybridization of complementary target
DNA, and less than 1 mV for reverse-complementary target DNA.

2.4. Redox Potential Detection

The direct charge detection method using FET had a number of serious problems, as ex‐
plained in Figure 5. First, the molecular charge is screened by ions in solution. Screening length
is around 3 nm in the case of ion concentration of 10 mM. This can be extended if low ion
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concentration is used; however, in this case, a very high impedance environment is pro‐
duced, and the electric potential becomes unstable. Second, the charge distribution is influ‐
enced by the shape of the molecule. It is generally understood that single-stranded DNA takes
a Gaussian shape, and double-stranded DNA takes a rod-like shape. It is unclear whether it
is a change in charge or change in structure that is detected. Especially in a flow system, the
molecular shape fluctuates, which leads to unstable electric potential. Third, the electrode
enters a floating state. Embedded charge causes a large threshold voltage variation.

Figure 5. Problems with direct charge detection method. (a) Molecular charge is screened by ions in solution, (b)
charge distribution is influenced by the shape of the molecules, and (c) electrode enters a floating state.

Instead of using the direct charge detection method, a redox potential detection method was
developed using ferrocenyl-alkanethiol modified gold electrode [6, 7]. This redox potential
sensor detects the ratio of oxidizer to reducer concentration, as shown in Figure 6, and is not
affected by the absolute concentration and pH.

Figure 6. a) Schematic cross section of redox potential sensor. (b) Potential versus ratio of oxidizer (ferricyanide) to
reducer (ferrocyanide) concentration.

We fabricated a chip that integrates 32×32 redox potential sensors, as shown in Figure 7 [8].
The sensor chip was dipped in 500 µM 11-ferrocenyl-1-undecanethiol (11-FUT) in ethanol
for 24 h. Hexacyanoferrate mixture totaling 10 mM was used for the oxidizer and reducer.
Six orders of concentration ratio of oxidizer and reducer were detected by this sensor array,
as shown in Figure 6(b). The sensitivity was 57.9 mV/decade, which is very close to the theo‐
retical value of 59 mV/decade at 25°C. Stability, i.e., long-term drift and fluctuation, of elec‐
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tric potential was examined using a bare electrode and an 11-FUT modified electrode, and
10 mM PBS solution (pH 7.4) and redox PBS solution in which the 10 mM hexacyanoferrate
was additionally added to 10 mM PBS solution, as shown in Figure 7. By using redox PBS
solution, the drift of electric potential was reduced by nearly one order. Furthermore, 11-
FUT modification reduced the drift to nearly one fourth. This experiment showed that the
drift can be drastically reduced by the redox potential detection method compared to the di‐
rect charge detection method. Of all 32×32 sensor cells, each potential of 92% was within
±1mV from the median. For the 8% abnormal output sensor cells, microscopic observation
showed that an Au electrode had peeled off.

Figure 7. Redox potential sensor array (32×32) and stability of electric potential.

This redox potential sensor array successfully detected the glucose level with an accuracy of
2 mg/dL, using the following enzyme-catalyzed redox reaction:

Glucose + ATP →
HK

 Glucose - 6 - Phosphate + ADP

Glucose - 6 - Phosphate + NAD →
G6PDH

Gluconolactone - 6 - phosphate + NADH

2 Fe(CN)6
3- + NADH →

Diaphorate

2 Fe(CN)6
4- + NAD

(1)

where HK is hexokinase and G6PDH is glucose-6-phosphate dehydrogenase.

Continuous sample measurement was performed using a flow measurement system with a
flow speed of 1 µl/s, as shown in Figure 8. We used two types of solutions: PBS solution (pH
7.4) and glucose sample solution (glucose, 9.9 mM potassium ferricyanide, 0.1 mM potassi‐
um ferrocyanide, 0.6 mM NAD, 2 mM ATP, 10 mM MgCl2). PBS solution was used to wash
out the glucose sample. As shown in Figure 9(a), the gate voltage settled in the glucose sam‐
ple very rapidly. On the other hand, in the PBS solution, a long settling time was observed.
Figure 9(b) shows the relationship between given and detected glucose concentrations, indi‐
cating fairly good linearity.
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Figure 8. Setup of measurement. The chip is controlled by a microcontroller unit (MCU).

Figure 9. a) Flow measurement of glucose. Blue areas indicate the flow of PBS solution, and yellow areas indicate the
flow of glucose sample solution. (b) Detected glucose vs. given glucose.

This sensor array could be applied to genome sequencing by incorporating a primer exten‐
sion reaction, which produces pyrophosphate (PPi).

PPi + H2O → 2Pi

Pi + GAP + NAD →
G6PDH

1,3BPG + NADH

2 Fe(CN)6
3- + NADH →

Diaphorate

2 Fe(CN)6
4- + NAD

(2)

where GAP is glyceraldehyde 3-phosphate and BPG is bisphosphoglycerate.
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3. Amperometric sensor array

Amperometric imaging offers great potential for multipoint rapid detection and the analysis
of diffusion processes of target molecules. The microelectrode is one of the most versatile and
powerful tools in amperometry. Although the current passing through a microelectrode is
very small, it has the advantages of high mass transport density, small double-layer capaci‐
tance,  and small  ohmic  drop.  Moreover,  a  microelectrode has  a  steady-state  current  re‐
sponse in unstirred solutions. Such steady-state currents are easy to analyze and interpret.
However, as it takes a few or tens of seconds before reaching a steady state, rapid multi‐
point measurement cannot be achieved with a simple switching scheme. Furthermore, when
the inter-electrode distance is not sufficiently large, the diffusion layers begin to overlap and
eventually merge to form a single planar diffusion layer. This overlapping of diffusion lay‐
ers is commonly referred to as "cross talk" or the "shielding" effect. When cross talk occurs, the
microelectrode array loses its unique features and becomes similar to a large-area "macro"
electrode, which makes local and quantitative analysis extremely difficult. We proposed a
switching circuit that measures multiple microelectrode currents at high speed, and a micro‐
electrode structure to suppress diffusion layer expansion over the microelectrode array [9].

3.1. Switching Circuit and Microelectrode Array Structure

Figure 10(a) shows the proposed amperometric electrochemical sensor circuit. Multiple elec‐
trodes placed in an array are connected with one amperometric sensor circuit through the
switches. Each electrode is connected to two switches. The electrode being measured is con‐
nected to the readout circuit via switch SWA, and on stand-by, the potential is fixed via
switch SWB to maintain the steady-state current. When the reading electrode is switched,
either switch of the two is kept closed. Therefore, the switching is carried out while the
steady-state current is maintained. In this way, it is not necessary to wait for a steady-state
current, thus realizing ultra-fast readout from each electrode.

Figure 10. a) Amperometric electrochemical sensor circuit. Each electrode is connected to two switches. (b) Conven‐
tional and proposed electrode geometry.

Our working electrode (WE) structure shown in Figure 10(b2) is surrounded by a grid auxil‐
iary electrode (AE), and the redox reaction opposite the working electrode (WE) occurs in
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the AE. Therefore, the diffusion layer is confined around the WE, and the overlap is de‐
creased. The steady-state current is amplified by redox cycling, and the time to reach the
steady-state is reduced.

3.2. Fabricated Amperometric Sensor Array

A 16×16 amperometric sensor array was fabricated as shown in Figure 11. Ag/AgCl and Pt
wire were used as reference and counter electrodes, respectively. The solution was com‐
posed of 100 mM sodium sulfate and 1 mM potassium ferrocyanide. The WE and the AE
potential were fixed at 0.65 V and 0 V (vs Ag/AgCl), respectively. Figure 11 shows the cur‐
rent responses of 1 mM [Fe(CN) 6]4− observed at the single microelectrode, conventional mi‐
croelectrode array, and proposed microelectrode array. This amperometric sensor array
could be applied to genome sequencing by using allele-specific primers and electrochemical
reaction [10].

Figure 11. Amperometric sensor array (16×16) and current responses of fabricated microelectrodes. The size of the
working electrode is 25×25 μm2.

4. Impedimetric sensor array

4.1. Capacitance Sensor Array

We applied nonfaradaic impedimetric measurement by implementing charge-based capaci‐
tance measurement (CBCM) to realize a label-free, fully integrated capacitance biosensor.
The proposed sensor exploits the capacitance changes of electrical double-layer properties as
a result of biorecognition events at the sensing electrode/solution interface. Figure 12(a)
shows a schematic of the proposed circuit [11]. To overcome the trade-offs between sensor
area and performance, we employed a fully differential measurement circuit that would
compensate for parasitic capacitances and reduce the effect of electronic noise, leading to
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improvement of the detection limit. A photomicrograph of the fabricated chip is shown in
Figure 12(b).

Figure 12. a) Schematic of a fully differential capacitance sensor. CX1 is the capacitance due to molecules to be detect‐
ed. (b) Photomicrograph of a sensor chip with 4×4 µm2 planar electrodes.

When probe oligonucleotides were immobilized on the electrode surface, a self-assembled
monolayer serving as an insulator was formed in conjunction with the electrical double lay‐
er. The resulting interfacial capacitance is a total of these series capacitances. When comple‐
mentary oligonucleotides were introduced to the probes, hybridization occurred and this
interface property, i.e., double-layer thickness due to ion displacement, was altered, causing
the corresponding capacitance to undergo further change. DNA detection is demonstrated
by comparing the results of the capacitance measurements using bare, immobilized, and hy‐
bridized electrodes [11]. As observed in Figure 13, the immobilization gave rise to a maxi‐
mum of 50% capacitance reduction when 20-mer thiolated oligonucleotides were self-
assembled at the gold electrode surface. A further 20% reduction in capacitance is also
observed after hybridization, implying that the double layer has changed due to the hybridi‐
zation event.

Figure 13. Measured results of capacitance against frequency for bare electrode, after DNA immobilization, and after
DNA hybridization.
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4.2. Impedance Sensor Array

Electrochemical impedance was measured between two disc electrodes of 20 mm in diame‐
ter and with 1 mm of separation, as shown in Figure 14. The specific hybridization is charac‐
terized by the change in Curie– von Schweidler exponent α of the constant phase element,
which implies the structural change of molecules [12]. This shows that the overall impe‐
dance characteristic is more important than the capacitance for detecting randomly distrib‐
uted molecules.

Figure 14. Electrochemical impedance spectroscopy using 20-mm-diameter Au disk electrodes, and Nyquist plot
(Cole-Cole plot) of (a) bare electrode, (b) probe/mercaptohexanol immobilization, (c) electrode after noncomplemen‐
tary binding, and (d) target hybridization. Impedance of constant phase element is proportional to ( jω)−α, where j is
the imaginary unit, ω is the angular frequency, and α is the Curie– von Schweidler exponent. The ratio of the imaginary
part to the real part becomes a constant −tan(πα/2).

We have designed an on-chip impedimetric sensor unit, which measures the amplitude of
impedance at frequencies up to 10 MHz. The sensor unit and peripheral circuitry are shown
in Figure 15. To eliminate the effect of turn-on resistance (~20 kΩ) of switch SWA and bit
line capacitance (~400 fF), a current amplifier is included in each sensor unit as shown in
Figure 15.

Figure 15. Circuitry of impedimetric sensor unit. AC current is amplified inside a sensor unit. VBB is DC bias voltage. A
similar current amplifier was used in [13].
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5. Multimodal Sensor Array

In large-scale integration (LSI) circuit fabrication, the initial cost for making a set of photo‐
masks is quite high. On the other hand, the chip cost is extremely low if a large number of
chips are produced. Table 1 shows the typical cost in several technologies. From this table,
more than 10,000 chips are necessary to balance the initial cost. This means that standardiza‐
tion and general-purpose sensor chips are important. Our strategy is to realize a multimodal
sensor array for synthetic analysis and standardization. The chip consists of amperometric,
potentiometric, and impedimetric smart cells containing an amplifier in the sensor cell, ach‐
ieving noise reduction and not influencing the measurement system. The chip can be cus‐
tomized by patterning the insulator layer to cover the unused sensor cells, as shown in
Figure 16.

Technology layers Cost of a set of photomasks Cost of 1-cm2 chip excluding

photomasks

0.6 μm 2P3M $ 30K $ 5

0.25 μm 1P4M $ 100K $ 7

0.18 μm 1P6M $ 240K $ 9

0.13 μm 1P8M $ 600K $ 14

Table 1. Typical cost of LSI fabrication

Figure 16. General-purpose sensor chip integrated with potentiometric, amperometric, and impedimetric sensor
units. The chip can be customized by the post-CMOS process.

A multimodal sensor unit with potentiometric, amperometric, and impedimetric sensors is
shown in Figure 17. The chip was fabricated by using a 1.2-µm 2P2M (2-polysilicon and 2

State of the Art in Biosensors - General Aspects174



5. Multimodal Sensor Array

In large-scale integration (LSI) circuit fabrication, the initial cost for making a set of photo‐
masks is quite high. On the other hand, the chip cost is extremely low if a large number of
chips are produced. Table 1 shows the typical cost in several technologies. From this table,
more than 10,000 chips are necessary to balance the initial cost. This means that standardiza‐
tion and general-purpose sensor chips are important. Our strategy is to realize a multimodal
sensor array for synthetic analysis and standardization. The chip consists of amperometric,
potentiometric, and impedimetric smart cells containing an amplifier in the sensor cell, ach‐
ieving noise reduction and not influencing the measurement system. The chip can be cus‐
tomized by patterning the insulator layer to cover the unused sensor cells, as shown in
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Technology layers Cost of a set of photomasks Cost of 1-cm2 chip excluding

photomasks

0.6 μm 2P3M $ 30K $ 5

0.25 μm 1P4M $ 100K $ 7

0.18 μm 1P6M $ 240K $ 9

0.13 μm 1P8M $ 600K $ 14

Table 1. Typical cost of LSI fabrication

Figure 16. General-purpose sensor chip integrated with potentiometric, amperometric, and impedimetric sensor
units. The chip can be customized by the post-CMOS process.

A multimodal sensor unit with potentiometric, amperometric, and impedimetric sensors is
shown in Figure 17. The chip was fabricated by using a 1.2-µm 2P2M (2-polysilicon and 2
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metal layers) CMOS process. Furthermore, a 16×16 multimodal sensor array with 0.24 mm
pitch was designed using a 0.6-µm 2P3M mixed-signal general CMOS process.

Figure 17. A 4×4 1-mm-pitch multimodal sensor array integrated with potentiometric, amperometric, and impedi‐
metric sensor units.

6. Conclusion

Potentiometric, amperometric, and impedimetric sensor arrays using standard CMOS tech‐
nology are described. Biomolecular interactions were observed as the time evolution of two-
dimensional distribution. The multimodal sensor array with potentiometric, amperometric,
and impedimetric sensor units will enable synthetic sensing and standardization of Bio‐
CMOS LSIs.
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Chapter 8

Impedimetric Biosensors for Label-Free and Enzymless
Detection

Hilmiye Deniz ErtuğruL and Zihni Onur Uygun

Additional information is available at the end of the chapter

http://dx.doi.org/10.5772/45832

1. Introduction

Currently, Biosensor technology has provided a number of benefits to detect both biological
and chemical molecules. Abiosensor is a promising device, which is combination of sensitivi‐
ty of electrochemistry and specificity of biological recognition, enables to detect any kind of
molecules in a short time with selectively and sensitively. Likewise many analytical methods,
it has also limitations, such as high oxidation potentials lead to detection of non-target mole‐
cules, furthermore non-electroactive species cannot show electroactive signal for measure‐
ment  or  some  biomolecules  cannot  be  transformed  by  enzymes,  even  if  they  can  be
transformed, they require secondary molecules such as mediators, coenzymes or labels. In or‐
der to detect molecules without electrochemical reaction, electrochemical impedance spectro‐
scopy  (EIS)  can  be  employed  as  a  measurement  technique  “to  see  electrode  surface
modifications just by looking impedance curves”. As it is known, electrochemical impedance
spectroscopy is an electrochemical technique that provides the examination of electrical prop‐
erties of electrode surface and binding kinetics of molecules between electrolyte and elec‐
trode surface. Therefore it can be used for biomolecular recognition, biomolecular bindings and
biomolecular interactions between molecules such as DNA-DNA, DNA-protein, Receptor-Li‐
gand, Protein-Ligand, Antibody-Antigen, and Ion Channels-Ligands. As a consequence of this
affinity provides label-free detection without chemical transformation and this binding prop‐
erty can be monitored by electrochemical impedance spectroscopy expeditiously. In this chap‐
ter, the information will answer a number of questions about the development of impedimetric
biosensors. In fact that is focused on the usage of impedance for biosensor technology, and to
demonstrate impedance curves and the meaning of electrical elements for obtained Nyquist
Plots especially faradaic impedance.  Employed biorecognition receptors and not yet em‐
ployed biorecognition receptors, which have different chemical residues, are discussed.
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2. Theory of electrochemical impedance spectroscopy for biosensors

Electrochemical impedance spectroscopy and the method of impedance are widely used for
corrosion, batteries, bioelectrochemistry and electrochemistry. EIS provide electrochemical
examination of electrical properties of electrode surface; on the other hand it can be called as
electrochemical surface characterization. Therefore it is possible to realize the differentiation
of electrode surface alterations easily. In biosensor technology it is used for monitoring bio‐
sensor modifications, layer formation on electrode surface and binding kinetics between
molecules such as DNAs, receptors, antibodies, antigens, proteins, ions etc. This advantage
provides examination binding kinetics of molecules, just by using obtained impedance spec‐
trums for binding kinetics of molecules leads to label-free detection. As it is known, for en‐
zyme based biosensors, a molecule needs to be transformed into another molecule by
enzyme for obtain electroactive molecules or electrons for gain an electroactive signal elec‐
troactive signal can be disturbed by other molecules, which oxidation reduction potentials
are same as analyte molecule. Electrochemical impedance spectroscopy overcomes this
problem and provides non-electroactive detection of molecules. There is only one condition,
which is the most important handicap, is to find a most specific biorecognition receptor for
analyte. Likewise all electrochemical measurement techniques, by employing EIS for biosen‐
sor technology has the same fundamentals, which are composed of electrical circuits in or‐
der to determine electrochemical measurement. This electrical circuit is affected by AC
current, which is generally used for impedimetric experiments. Alternative current (AC) is a
wave shaped and has a frequency; therefore both potential and current oscillate (Fig. 1). This
oscillation causes differentiation in time because AC excitation signal and sinusoidal current
response are both based on Ohm law. As it is known the Ohm law includes; a potential, a
current and a resistance for ideal DC circuits. However, for AC, some mathematical units
must be added because of the frequency of AC.

Figure 1. Alternative current; Et and It.

As it can be seen in figure 1, the sinusoidal fluctuation of both current and potential show a
difference, this difference, Φ, is determined as impedance which is an alternative current

State of the Art in Biosensors - General Aspects180



2. Theory of electrochemical impedance spectroscopy for biosensors

Electrochemical impedance spectroscopy and the method of impedance are widely used for
corrosion, batteries, bioelectrochemistry and electrochemistry. EIS provide electrochemical
examination of electrical properties of electrode surface; on the other hand it can be called as
electrochemical surface characterization. Therefore it is possible to realize the differentiation
of electrode surface alterations easily. In biosensor technology it is used for monitoring bio‐
sensor modifications, layer formation on electrode surface and binding kinetics between
molecules such as DNAs, receptors, antibodies, antigens, proteins, ions etc. This advantage
provides examination binding kinetics of molecules, just by using obtained impedance spec‐
trums for binding kinetics of molecules leads to label-free detection. As it is known, for en‐
zyme based biosensors, a molecule needs to be transformed into another molecule by
enzyme for obtain electroactive molecules or electrons for gain an electroactive signal elec‐
troactive signal can be disturbed by other molecules, which oxidation reduction potentials
are same as analyte molecule. Electrochemical impedance spectroscopy overcomes this
problem and provides non-electroactive detection of molecules. There is only one condition,
which is the most important handicap, is to find a most specific biorecognition receptor for
analyte. Likewise all electrochemical measurement techniques, by employing EIS for biosen‐
sor technology has the same fundamentals, which are composed of electrical circuits in or‐
der to determine electrochemical measurement. This electrical circuit is affected by AC
current, which is generally used for impedimetric experiments. Alternative current (AC) is a
wave shaped and has a frequency; therefore both potential and current oscillate (Fig. 1). This
oscillation causes differentiation in time because AC excitation signal and sinusoidal current
response are both based on Ohm law. As it is known the Ohm law includes; a potential, a
current and a resistance for ideal DC circuits. However, for AC, some mathematical units
must be added because of the frequency of AC.

Figure 1. Alternative current; Et and It.

As it can be seen in figure 1, the sinusoidal fluctuation of both current and potential show a
difference, this difference, Φ, is determined as impedance which is an alternative current

State of the Art in Biosensors - General Aspects180

system resistance. Mathematical equationof this system is transformed into this equation 1
(Z; impedance, Et; potential in a time, It; current in a time, E0; potential at zero point, I0; cur‐
rent at zero point, ω; frequency, t; time)

Z =
Et

It
=

E0Sin(ωt )
I0(Sin(ωt + Φ) =Z0

Sin(ωt )
Sin(ωt + Φ) (1)

In this equation, impedance is represented as Z, and Z is a phase shift of AC, furthermore
this phase shift is angle of impedance curve of Nyquist plot.

This theory has been performed for biosensor technology for a long time, its aim is examina‐
tion of electrical characteristics of electrode surface for every layer formation and every in‐
teraction between molecules, and the obtained signal variations. In fact that charged groups
of molecules have effect on impedance curves, layer has influence on electrical characteristic
of electrode, this causes distribution of electrode surface charge, subsequently capacitive
current varies, hence electrical circuit of the system keeps it balance and impedance increas‐
es or decreases [1].

EIS has an advantage over the other electrical measurement technique, which is an opportu‐
nity to design electrical circuit, according to obtained Nyquist plot curve. For figure 2, there
is an electrical circuit model for obtained impedance curve. As you can see there are resis‐
tances and capacitance, in figure 2 there are both parallel capacitance and resistance, which
they represent electrode surface, and a resistance is serial over this circuit, capacitance repre‐
sents electrical double layer of electrode, R2 represents resistance of the electrode, and R1
represents resistance of the solution in cell which is located electrodes inside of it. The Ny‐
quist plot of this electrode starts not zero point which means that the solution in the cell
shows a resistance (If it started at zero point, that means the resistance of solution(R1) does
not exist); therefore a resistance element(R1) is added in circuit model. The rest of the curve
shows a characteristic sinusoidal impedance curve, which means only a resistance occurs,
and R2 is added on circuit, and capacitance always occurs as a function of capacitive current,
which represents in homogenity on electrode surface, because electrical double layer occurs.

Figure 2. Non-faradaic impedance curve, R2 electrode surface resistance and capacitance, and R1cell surface resistance.

Variation on impedance curve changes the electrical circuit model, an alteration especially
on Nyquist curve an circuit element is added after R2 circuit element as serial [2].
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Figure 3. Faradaic impedance curve, R2; electrode surface resistance, W; Warburg impedance and C; capacitance, and
R1; cell solution resistance.

For figure 3, there is an additional circuit element, Warburg impedance(W) which repre‐
sents mass transfer to electrode surface. This resistance occurs when an interaction forma‐
tion, which is formed by electrical interaction, adsorption e.g.,  between electrode surface
and solution a mass transfer occurs towards electrode surface, this transfer cannot be calcu‐
lated as diffusion because there is an accelerated mass transfer by affection. Therefore Ny‐
quist curve varies and becomes linear; this linearity represents Warburg impedance, which
means mass transfer resistance. The interaction between electrode surface and solution, keep
the balance between Warburg impedance and electrode surface resistance(R1), this balance
can be unbalanced by mass transfer and after any increase on mass transfer the Warburg
impedance  shows  dominancy  on  electrode  surface  resistance  (R1)  [3].  This  domination
shields resistance and sometimes resistance doesn’t occur. A study was performed by Uy‐
gun and Sezgintürk, in this study gold film modified glassy carbon electrode was modi‐
fied by SAM of Cysteamine layer and positively charged Cysteamine attracted negatively
charged  redox  probe(Fe(CN)6  -3/Fe(CN)6  -4),  this  mass  transfer  and  this  attraction  shad‐
owed no resistance and Warburg impedance showed dominancy on circuit [4]. On the oth‐
er hand a redox probe as [Ru(NH3)6]3+ will be repelled by positively charged modification.
As you can see there are a number of conditions for impedance to design a circuit model,
which surface of electrode, content of solution, characteristics of redox probe are impor‐
tant on electrical circuit modelling.

Figure 4. A schematic representation of electrode surface and redox probe interaction and their impedance spectrums.

State of the Art in Biosensors - General Aspects182



Figure 3. Faradaic impedance curve, R2; electrode surface resistance, W; Warburg impedance and C; capacitance, and
R1; cell solution resistance.

For figure 3, there is an additional circuit element, Warburg impedance(W) which repre‐
sents mass transfer to electrode surface. This resistance occurs when an interaction forma‐
tion, which is formed by electrical interaction, adsorption e.g.,  between electrode surface
and solution a mass transfer occurs towards electrode surface, this transfer cannot be calcu‐
lated as diffusion because there is an accelerated mass transfer by affection. Therefore Ny‐
quist curve varies and becomes linear; this linearity represents Warburg impedance, which
means mass transfer resistance. The interaction between electrode surface and solution, keep
the balance between Warburg impedance and electrode surface resistance(R1), this balance
can be unbalanced by mass transfer and after any increase on mass transfer the Warburg
impedance  shows  dominancy  on  electrode  surface  resistance  (R1)  [3].  This  domination
shields resistance and sometimes resistance doesn’t occur. A study was performed by Uy‐
gun and Sezgintürk, in this study gold film modified glassy carbon electrode was modi‐
fied by SAM of Cysteamine layer and positively charged Cysteamine attracted negatively
charged  redox  probe(Fe(CN)6  -3/Fe(CN)6  -4),  this  mass  transfer  and  this  attraction  shad‐
owed no resistance and Warburg impedance showed dominancy on circuit [4]. On the oth‐
er hand a redox probe as [Ru(NH3)6]3+ will be repelled by positively charged modification.
As you can see there are a number of conditions for impedance to design a circuit model,
which surface of electrode, content of solution, characteristics of redox probe are impor‐
tant on electrical circuit modelling.

Figure 4. A schematic representation of electrode surface and redox probe interaction and their impedance spectrums.

State of the Art in Biosensors - General Aspects182

For electrochemical impedance spectroscopy based biosensor systems, frequency scanning
between two frequencies were chosen according to the solution, on the other hand electrical
conductivity of solution is very important for choosing frequencies, in higher electrical con‐
duction ability of solution, which means the solution is highly concentrated by ions, lowest
frequencies can be chosen especially in the presence of redox probe (lower than 0.1 Hz). A
potential must be applied to gain a proper signal, this potential is called as AC excitation
signal [2]. Its magnitude depends on the solution of measurement system’s cell. When the
solution includes redox probe such as ferricyanide, osmium complexes or ferrocene, accord‐
ing to the oxidation or reduction potentials of these materials, the beginning of the electro‐
chemical transformation potential is chosen. An unknown solution or unknown potential
can be measured by cyclic voltammetry to find out the beginning oxidation/reduction po‐
tential of the electrolyte solution.

3. The importance of label-free detection

Most affinity biosensor systems require secondary molecule for amperometric or voltam‐
metric experiments, which is attached to analyte or biorecognition receptor molecule to ob‐
tain an electroactive signal for measurement. It is necessary that labeling process, because
some biomolecules or molecules cannot be transformed or cannot give electroactive signal
for measurement; therefore another electroactive molecule must be used for electroactive
signal. These labels must be easily applicable to gain proper signal such as fluorophores,
nanoparticles, enzymes, quantum particles. This labeling process may need an extra mole‐
cule and extra preparation process to detect the real analyte. Moreover, this process can
change properties of biorecognition receptor or analyte molecule and their affinity to each
other and the most important thing these processes increase the expenses. Because of all
these problems, electrochemical impedance spectroscopy becomes a phenomenon technique
for label-free detection. In order to obtain electrochemical impedance signal, only interaction
between two molecules suffices for measurement. By using enzymes some molecules can be
detected easily, however instead of enzymes, transporters such as glucose transporters, ion
channels, receptors, antibodies or aptamers can be used for impedimetric measurement be‐
cause when these biomaterials attach their target molecules, their structural composition
changes, this changing leads to rearrangement of the capacitive double layer of the electrode
and the electron transfer resistance will alter. Thus they can be used as biorecognition recep‐
tors. Traditional affinity biosensors, antibody-antigen and receptor-ligand couples can be
used for label-free detection.

4. Construction of impedance based biosensors

Our chapter mainly focuses on development of non-faradaic and mostly faradaic electro‐
chemical impedance based biosensors, in other words how to construct them, which biore‐
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cognition receptor can be employed. This heading gives development of impedimetric
biosensors based on different biorecognition receptor to detect different molecules.

4.1. Impedimetric receptor based biosensors

As it is known that, receptors are located on cell surface area for sensing molecules to re‐
ceive and transfer signal into cell. They are usually found on the outer surface of cells, ex‐
tending through the plasma membrane.Their sensing mechanism is based on weak
interaction between their ligand and receptor. Therefore they can show regeneration poten‐
tial to sense and induced their roles for biological form, when they are used as biosensor rec‐
ognition element. This would be an advantage for reusable for biosensor. For extracellular
membrane, receptors take the signals such as hormones, growth factors, ions, neurotrans‐
mitters etc. Hormones and other factors are very useful, their detection reveal a number dys‐
functions, cancer and sicknesses. Excessive and deficient biomolecule concentration in the
organism can be a signal of any diseases. Hormones and growth factors are peptides or pro‐
teins and their measurement is hard, because they cannot give any electroactive signals by
transformation. In this problem, impedimetric biosensor systems are prominence, to immo‐
bilize a receptor on electrode surface provides to detect its ligand by biosensor technology.
Before we mentioned that the most receptors are located on cell surfaces, their structure in‐
tegral proteins, this proteins have two domains, which are hydrophobic and hydrophilic.
For hydrophobic domains that may be a problem when immobilization process because
forming a proper hydrophobic environment is very hard and may harm hydrophobic do‐
main. This complications lead to find a proper immobilization technique, which is low cost
for material and less complicated.

Uygun and Sezgintürk have developed an ultrasensitive impedimetric vascular endothelial
growth factor receptor 1(VEGFR-1) based biosensor system for vascular endothelial growth
factor, which is a protein produced by cells to stimulate cellular growth. It’s important that
is a biomarker for metastasis and lower and higher levels have disaster meanings for organ‐
ism. In this study, a protein, VEGF was analyzed by electrochemical impedance spectrosco‐
py, VEGFR-1 used as a biorecognition receptor and this affinity biosensor proved its ability
that provide measurement lower concentrations, which 100 femtogram in per milliliter.
Gold electrode was coated layer-by-layer; a gold film layer, SAM of Cysteamine layer, Avi‐
din, Biotin and VEGFR-1, respectively. This long immobilization layer provides electrode ul‐
tra sensitivity. Because of using a redox probe, [Fe(CN)6]3-/4-, faradic impedance was in
progress and Randles circuit model was applied to this impedimetric biosensor. Calibration
curve was constructed 100-600 fg/ml. By calculating this calibration curve alteration of elec‐
tron transfer resistance (∆Ret) was used for calibration curve. In addition, this biosensor was
acknowledged by Kramer-Kronig transforms to correlate of biosensors repeatability, stabili‐
ty and linearity [4]. This study was combination of EIS and biological recognition receptor,
VEGFR-1, which shows high affinity to its ligand, therefore the study provides lower con‐
centrations, and good selectivity without any electrochemical transformation of analyte.

Kim et al. were constructed an estrogen biosensors, which is based on impedance spectro‐
scopy as well. For this biosensor estrogen receptors were used as biorecognition receptors of
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17β-estradiol. As it is known that estrogen shows sexual characteristics of females [5], how‐
ever estrogen is a carcinogen for tumor initiation and promotion [6,7]. For this reason its
measurement, in a good sensitivity, plays a crucial role for female health. In this study, Gold
electrode was coated a SAM layer, which is 3-mercaptopropionic acid to bind estrogen re‐
ceptors via –COOH groups. LOD was 1.0x10-13M. calibration curve was constructed in a lin‐
ear range between 1.0x10-1.0x10-11M [8]. This study is another receptor based study, it can be
seen that its immobilization method is very easy, and estrogen hormone is a steroid, which
is insoluble in water, is detected easily by EIS.

4.2. Impedimetric antibody-antigen based biosensors

Antibodies (Ab), or immunoglobulin, are elements of immune system to take an action in
case of contamination of body. Antibodies are most widely used affinity element of biosen‐
sor technology, because of their sensitive and selective properties against antigens. Anti‐
body based biosensor technology has a great advantage of affinity biosensor technology,
because antibodies have a wide range affinity from low molecular weight molecules to high
molecular weight proteins. High affinity is the major factor for an antibody to use as biore‐
cognition receptors for biosensors. As a consequence of Ab characteristic, when an immobi‐
lization is on process then it must not be forgotten that stability, matrix effect and
susceptibility [9]. In addition antibody production is very useful or any antigen, because it is
widely used for antibody production in vitro. Ab and its antigen play a key role on develop‐
ment of an Ab based biosensor, therefore it must be known that the interaction between Ab
and antigen, which they are hydrogen bonding, hydrophobic, van der Waals and coulomb
interactions [10]. These forces are called as “weak interactions”, therefore it is easy to break
apart Ab-Ag binds, and moreover this provides regeneration for biosensor technology. An‐
other advantages of Ab usage for biosensor technology,Ab production is very effective for
obtaining proper Ab, experimental animals can produce antibody when they counter any
xenobiotic, thus antibody production is stimulated for unknown molecule and new antibod‐
ies are purified. For further production recombinant technology can be used to obtain anti‐
body. Antibodies can be divided into two main groups, which are monoclonal and
polyclonal. In short, monoclonal antibodies show higher affinity to their antigen in compari‐
son with polyclonal antibodies and it is very useful for selective measurements. Using anti‐
body for biosensor technology has another advantage, which is capable of signal
amplifying. It is known a common name as “sandwich method”; this method is combination
of antigen and a secondary antibody(Figure 5). This secondary antibody can be labeled such
as an enzyme, nanoparticles, quantum dots, etc. However, for impedimetric biosensors it is
not necessary to label secondary antibody, because binding of antigen and antibody will
give impedimetric signal, additional secondary antibody label-free increases the measure‐
ment signal that is impedance.

Pichetsurnthorn et al. have proposed a study, which is about impedimetric biosensor for
trace atrazine detection from water samples. Atrazine is a small xenobiotic, a pesticide, and
it is very harmful any organism when it is in taken. Therefore pesticide analysis plays a cru‐
cial role for food and environmental industry. As it is known that a number of biosensor for
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pesticide detection have been published and continuing, but enzymatic biosensors show less
selectivity, because they depend on enzymatic inhibition, which an enzyme can be affected
by ionic strength, pH, heavy metals etc. and this enzymatic inhibition is not reliable for pes‐
ticide detection. In this manner, electrochemical impedance spectroscopy has become prom‐
inence for label-free and enzymless detection. In this study, nanoporous alumina
membranes were used just as ELISA method without using enzyme to achieve non-faradaic
measurement, in spiked samples, the biosensor gives as low as femtogram/ml. On a gold
metal electrode alumina membrane, for biomolecular confinement, was used because of
nanomolecular space. For antibody immobilization thio bis succinimidyl propionate (DSP), a
linker, was used. This provides thiol links with gold surface, and its amine groups were
used immobilization of anti-atrazine. Calibration curve was constructed 10fg/ml to 1ng/ml
in wide range. This sensor was designed in three ways to increase selectivity, which one of
them is used planar sensor, second is 200nm alumina pores and three is 20nm alumina
pores. Decreasing in alumina pore increased the selectivity of atrazine molecule. This study
provided label-free, selective and sensitive atrazine measurement in ultra low concentra‐
tions [11]. Based on antibody efficacy, a cross-reactivity was observed, which was the result
of antibody specification against other molecule, malathion.

Figure 5. Schematic representation of Sandwich Method and its Impedance Spectrums

Huang et al. have developed allergen biosensors, which is based on mite allergen Der f2 and
its antibody by using electrochemical impedance spectroscopy. Type I allergic reaction is a
reaction of immune dysfunction and represents a problem of health of organism. Develop‐
ment of industry, especially on home industry, increases the allergic reactions of bodies be‐
cause the natural environment of body has been changing and adaptation is hard. The
allergic reactions occurs when body comes across an allergenic material and this plays a cru‐
cial role that the detection of allergenic reaction. Huang et al. find out a solution for point of
care allergenic detection, which is based on impedance spectroscopy to determine Der f2.
Firstly a glassy carbon electrode was modified by gold electrodeposition, subsequently Der
f2 solution dropped on electrode and waited for a night to ensure that the active sides of
nanogold were all occupied by allergen molecules. Then it was exposed to different concen‐
tration of murine monoclonal antibody solution. Electrochemical impedance spectrums
were employed for calibration curve from 2µg/ml to 300µg/ml [12].
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4.3. Impedimetric DNA-aptamer based biosensors

DNA is known as double-stranded (ds) source of genetic information. This genetically oc‐
curred biomolecule includes base pairs, which are Adenine-Thymine and Guanine-Cytosine,
phosphate backbone, which provides negative charge properties. These pairs occur on the
dsDNA strand is only if specific its complementary DNA strand. This specificity is very im‐
portant for label free molecule detection or DNA sequence detection. This specificity leads
to utilize DNAs for biosensor, which DNA is used as biorecognition receptor. By using
DNAs specificity, a new method has become revealed that is Aptamer usage as a biorecog‐
nition receptor. Aptamers are artificial nucleic acids with specific binding affinity to mole‐
cules, proteins, amino acids, drugs, pesticides, etc. Their advantages proposed them as
alternatives of antibodies [13-16]. On the other hand their specific affinity to wide range of
molecules, an aptasensor is only specific for one target. Thus, this limitation must be im‐
proved for detection of other molecules. Detection of more than one molecule by using ap‐
tamer is a challenging technique, because of its limitations. To detect one molecule a strand
is enough, but to detect more than one molecule, DNA strand must be prolonged to bind
two or more molecules. This prolongation, which contains more than one aptamer units, on
DNA increases the flexibility of DNA strand and affects formation of aptamer-analyte mole‐
cule complex [17], or hybridization on same strand occurs. Aptasensors are widely used,
however their ultrasensitive detections are limited because of their low association con‐
stants, for the signal amplification many methods have been proposed for aptasensor usage,
such a rolling circle amplification [18,19], strand displacement amplification [20,21], enzyme
label [22-24]. These methods are very advantageous for signal amplification, besides they
are complicated and expensive.

Deng et al. have proposed a bifunctional aptasensor to detect lysozyme and adenosine. In
this method, two DNA strands, which were used adenosine contained DNA and lysozyme
aptamer. [Ru(NH3)6]3+ was used as signaling transducer, moreover gold nanoparticles
(AuNPs) were used to increase signal. DNA strands, which were used as biorecognition re‐
ceptors, were modified thiol-terminated. According to self-assembly method (SAM), DNA
(SAM) layers formed on gold electrode layer. Main idea of this study was a DNA was used
as capture; a DNA was used as linker, and a DNA-AuNPs as used increase the signal. Nega‐
tively charged DNA strands were treated with [Ru(NH3)6]3+ complexes. In any considera‐
tion, which adenosine was added on electrode surface, aptamer lysozyme complex released
from surface, lysozyme was added on electrode surface, aptamer-adenosine complex pre‐
leased from surface. DNA-AuNPs complexes increase the selectivity by increasing the lyso‐
zyme aptamer formation signal. Analytes, lysozyme and adenosine, bind to electrode
surface [Ru(NH3)6]3+ complexes were released and amplify the electrical signal. All in all this
bifunctionalaptamer biosensor is based on structure-switching properties. This signal
changes were monitored by impedance spectroscopy to measure layer changes. Switching
on the layer for any molecule will change the capacitive and resistive properties of the elec‐
trode and impedance becomes a prominence measurement technique and it provides label
free and enzymless detection. Lysozyme and adenosine concentrations were detected 0.01µg
mL-1 and 0.02nM, respectively [25].
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Figure 6. Schematic representation of impedimetricaptamer biosensor.

Ensafi et al. developed a DNA biosensor, which is based on DNA-DNA hybridization. This
DNA hybridization was used for detection a cancer type that is chronic lymphocytic leuke‐
mia (CLL), which provokes the production of white blood cells called B lymphocytes in
bone marrow. This biosensors system is based on porphobilinogendeaminase (PBGD) gene,
which is associated with CLL cancer. A probe 25-mer DNA modified with thiol-terminated
and binds to AuNPs as SAM. The target, complementary DNA was detected as through hy‐
bridization. The PBGD gene hybridizations were monitored impedance spectrums, by using
redox probe, which is [Fe(CN)6]3-/4-. Deposited AuNPs on gold electrode, SAM of DNA layer
formed and complementary DNA hybridized. This biosensors LOD result was calculated as
1 femtoM. By using impedance spectroscopy mismatched DNA strands was able to ob‐
served, even for one base mismatched. This showed that label-free detection is provided in
higher sensitivity levels [26].

4.4. Other impedimetric biosensors

After most widely used biomolecules (DNA, Receptors and Antibodies) for biosensors, oth‐
er biomolecules for impedimetric biosensor usage is presented in this part of the chapter. In
this chapter two molecules, which show specific affinity themselves other than receptors,
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DNAs and antibodies, will be revealed, such as specific protein-molecule, cell-molecule and
protein-cell. When it is mentioned before that to develop an impedimetric biosensor, it is on‐
ly necessary to find two molecules, which show affinity. Because of this affinity the binding
will be come true, and impedimetric signal will be obtained. In order to illustrate some ides,
this part will be written by giving examples about other impedimetric affinity biosensors.

Hu et al. has proposed a study, which is Multi-wall carbon nanotube-polaniline biosensor
based on lectin-carbohydrate affinity for ultrasensitive detection of Con A. Concavalin A is a
kind of allosteric protein, which has four affinity residues on it for binding specific atoms
and molecules, which they are calcium and manganese cations to activate binding sides for
carbohydrates, one is for hydrophobic recognition, one is for R-mannose or D-glucose [27].
Concavalin A is called in lectin family, which is specific protein family to carbohydrates,
moreover it has an ability to activate and proliferate for mature T cells [28]. Lectin binding
carbohydrate ligands, in other words carbohydrate specific proteins, show high affinity like‐
wise antibody-antigen interactions. Lectins have been used for biosensor technology for de‐
tection of carbohydrate. In this study carbohydrate, D-glucose was used as recognition
receptor for lectin detection. Using nonmaterials(PANI and CNT) increased the surface are
of electrode. MWNT-PANI nanocomposite material was dropped on GCE and glucose add‐
ed in 50 C for 6h through Schiff-base reaction. This modified electrode was exposed differ‐
ent concentration on Con A solutions and EIS spectrums were obtained. R.S.D was found as
2.1% and a calibration curve was constructed from 3.3pM to 9.3nM and LOD was 1.0pM
[29]. MWNT-PANI nanocomposite layer was very promising modification step, in order to
reach lowest limits.

Oliveira et al. published an article, which is an impedimetric biosensor based on self-assem‐
bled hybrid cystein-gold nanoparticles and CramoLLlectin for bacterial lipopolysaccharide
recognition. As it is known lipopolysaccharides are endotoxines, structural components of
gram-negative bacteria, which is common for humans, animals and plants [30]. In this study
electrode surface was modified poly(vinyl chloride-co-vinyl acetate-co-maleic acid)(PVM),
gold  nanoparticles-cystein  composite  (AuNpCys),  CramoLL,  respectively.  This  electrode
was specific for lipopolysaccharides. PVM layer was charged positively, this provides that
attract the CramoLLlectin electrostatically. LPS detection depended on carbohydrate com‐
position of LPS, and this limited the selectivity and binding abilities of biosensor. In this
study, different cells, which had constructed LPS layer, were used to detection of any dif‐
ference when LPS layer differs.  Because of linear LPS layer composition of S. marcescens
highest impedance value was obtained. The CramoLL-LPS binding process can be signifi‐
cantly inhibited by saccharide, glucose, providing further proof of the sensing mechanism
on lectin interface. AuNpCys-PVM complex positively charged surfaces were suitable for
CramoLLlectin immobilization. As it is known that cell surfaces are negatively charged [31].

Tlili et al. developed an impedimetric biosensor system, based on cell, which was Fibroblast
Cells: a sensing bioelement for glucose detection by impedance spectroscopy. Fibroblast
cells were used as biorecognition receptor for glucose detection. Diabetes is one of the most
widely studied disaster in the world, in order to find diabetes, its markers must be deter‐
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mined, which is most important glucose. Several studies were carried out glucose biosens‐
ing. Using living cells as biorecognition receptors provides an opportunity for high
sensitivity in a broad range of biologically active substances that affect the response of the
cells. In this study, 3T3-L1 fibroblast cells are able to metabolise glucose through the activa‐
tion of specific glucose transporters (Glut 1 and Glut 4). Biological cells are very poor con‐
ductors at low frequencies, for this reason, force electrical currents to bypass them.
Impedance spectrums were proportional to fibroblast cell growth on electrode; especially
gaps between cells will affect impedance spectrums. An ITO (Indium Tin Oxide) electrode
was used for this biosensor, fibroblast cells were attached on electrode, after 2-4 days a thin
layer was formed by fibroblast cells. The effect of additional glucose concentrations, Nyquist
diagram was chosen, which allows more sensitive measurement. Glucose and cell interac‐
tion depended on the glucose intake ability of cells through Glut 1 and Glut 4. To examine
the specificity of the biosensor, D-mannitol was chosen instead of glucose and no variation
was observed. No signal variation was obtained by inhibition of glucose transporters, there‐
fore glucose intake provides metabolic process in order to detect glucose molecules, not in‐
corporated by increased osmotic pressure. Addition of carbohydrate not metabolized by
cells did not give any signal variation in impedance curves. The calibration curve was con‐
structed from 0 to 14mM glucose concentration [32]. On the other hand for this study, as a
biorecognition receptor, cell surface transporters were used for biosensor indirectly. This
provided selective measurement.

Figure 7. Schematic representation of fibroblast cell based impedimetric biosensor.
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Tong et al. have declared an annexin V-based biosensor for quantitatively detecting early apop‐
totic cells. Apoptosis is programmed cell death in organisms and it is necessary for organism
homeostasis. Measurement of apoptosis can give clues about any metabolic process, for exam‐
ple anti-tumor therapies, drugs. Annexin V is a calcium dependent phospholipid-binding pro‐
tein with high affinity for phosphatidylserine, which is altered in translocation in plasma
membrane for early apoptotic cells [33]. Therefore this protein can be used as PS exposure
marker upon cell membranes. In this study, the authors described first time annexin V-modi‐
fied biosensor was developed for quantitatively detecting early apoptotic cells. Gold elec‐
trode was modified; 1,6-hexanedithiol, gold nanoparticles, annexin-V, respectively. Then PS
exerted cells were detected by using this modified electrode. As you can a slight difference on
electrode can be detected by using impedance spectroscopy and this detection provides apop‐
totic cell existence. This biosensor’s signal was dependent upon calcium ion concentrations.
Therefore, before PS detection, the modified electrode treated with 5µM Ca2+ for 1 h [34].

5. Some footnotes about impedimetric biosensors

One of the most important points of impedimetric biosensors is to find proper molecule that
shows affinity to your analyte. Secondly your measurement process will be considered; es‐
pecially modification steps and oxidation/reduction ability of redox probe will define exper‐
imental parameters such as frequency, bias potential, electrical circuit model. In order to
obtain sensitive detection, faradaic impedance is proposed to reach lower frequencies, be‐
cause of reduction/oxidation properties of redox probe, the electrons, which produced by
this oxidation/reduction, can move easier. This transportation can be measured as electron
transfer resistance. On the other hand non-faradaic impedance is only measure resistance
and surface capacitance, that technique is for whole surface by electrical circuit model.

Electrical circuit model is constructed by characteristic of impedance curve, which depends
on the electrical conductibility of electrochemical measurement solution, electrode surface
and interaction between electrode-electrolyte. Impedance spectroscopy provides sensitive
and label free detection by its sensitive electrode surface characterization ability. Especially
for sensitive measurements faradaic experiments are considered that is better, by using re‐
dox probes, it is possible to reach lower frequencies, thus lower detection limits can be
reached by examination of the modified electrode surface in lower frequencies. Electrode
surface modification plays a crucial role for impedimetric measurements that inhomogenici‐
ty on electrode surface, pin holes or a direct interaction with bare electrode surface after a
failed modification and electrolyte, the electrons, which through electrode surface without
confront any electrical resistance, will give a false impedance spectrum. In this case of inho‐
mogenity, capacitance element of circuit model is redefined as constant phase element to
solve inhomogenity problem. In case of lower or less altered signals, impedance spectrosco‐
py provides signal amplification by modifying electrode surface with a molecule or elec‐
trode surface can be charged same as redox probe’s charge. Another challenging factor for
impedimetric biosensor is the affinity, low affinity or affinity for wide range will reduce the
importance or usefulness of the impedimetric biosensor.
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Analyte Bioreceptors LOD Linear Range Reference

17β-estradiol Estrogen Receptor-α 1.0x10-13M 1.0x10-1.0x10-11M [8]

AIV H5N2 Monoclonal Anti-H5

Antibody

1x101.2ELD50/ml 1x101.2ELD50/ml-

1x105.2ELD50/ml

[36]

Atrazine Anti-atrazine Antibody 10 fg/ml 10 fg/ml-1ng/ml [11]

Chronic Lymphocytic Leukemia

Gene Sequence Mutation

25-Mer

PorphobilinogenDeaminase

(PBGD) Gene

1.0×10−12M 7.0×10−12–2.0×10−7M [26]

Concavalin A Glucose 1.0 pM 3.3pM-9.3nM [29]

Der f2 Murine Monoclonal Antibody 2.0 µg/ml 2-300 µg/ml [12]

Glucose 3T3-L1 Fibroblast Cells 0-14 mM [32]

Lipopolysaccaride Layer of S.

marcescens

CramoLLLectin 25 µg/ml 25-200 µg/ml [31]

Lysozyme and Adenosine Lysozyme and Adenosine

Specific Two Aptamers

0.01µg mL-1 and

0.02nM,

respectively

0.2-40 nM Adenosine [25]

PS exerted cells Annexin V 5 Fu [34]

Thrombin Thrombin Aptamer 0.013 nM 0.1-30 nM [35]

VEGF VEGFR-1 100 fg/ml 100-600 fg/ml [4]

Table 1. Comparison of Some Impedimetric Biosensor Systems

6. Conclusion

Consequently, biosensor systems have been developing, the most important factors are selec‐
tivity and low cost. These specialties are very important of Point-Of-Care usage. Electrochem‐
ical impedance spectroscopy is very effective technique for label-free molecule detection. It can
provide sensitivity, low cost and selective biosensor systems. As you can read from above, by
using specific molecules such as DNA, Aptamer, Receptor, Antibody, Specific Proteins etc. it is
possible to construct selective and sensitive impedimetric biosensor systems.
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1. Introduction

Increased proliferation of infectious diseases stresses the need for immediate development
of a state of the art lab-on-a-chip with the capabilities of single biomolecular recognition and
parallel processing not only to minimize the death rates but also to enhance the protection
from rapid spread of epidemics. Though there are several methods for detection of biomole‐
cules, the magnetic bead sensing technique has been promising and versatile due to its in‐
creased ease of fabrication in miniature designs and also its scope for rapid, inexpensive,
high sensitive and ultrahigh resolution point of care diagnosis of several human diseases;
thus, magnetic biosensors and biochips have become the subject of intense research interest
in recent times globally.

In the magnetic bead sensing technique, the detection of biofunctionalized magnetic beads
is normally carried out by sensors that are embedded underneath the sensing regions and
provide a direct electrical readout proportional to the surface density of immobilized mag‐
netic beads. There are several magnetic sensor principles in operation; namely, anisotropic
magnetoresistance  (AMR)  sensors  [1-2],  giant  magnetoresistance  (GMR)  and  spin  valve
sensors  [3–6],  magnetic  tunnel  junctions  (MTJ)  [6-7],  micro-Hall  sensors  [8],  and  planar
Hall effect (PHE) sensors [9–11]. Common procedure employed for all these sensor princi‐
ples is that the magnetic immunoassay of biological sample is introduced to the biofunc‐
tionalized  sensor  array  followed  by  washing  steps.  In  order  to  establish  reproducible
conditions under these various incubation and washing steps, it  is desirable to integrate
the sensor in a microfluidic system, which further facilitates a study of real time response
of  the  sensor  as  a  function  of  fluid  flow,  sensor  bias  current  and  bead  concentrations.
Moreover, multi-analyte biosensors integrated with microfluidic systems can be made to
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perform  numerous  tasks  automatically  by  way  of  sensitively  and  specifically  detecting
multiple targets from unprocessed sample material, thus creating a compact instrument in
the form of ‘‘lab-on-a-chip’’.

With the phenomenal success of  GMR-spin valve sensors and MTJ sensors in hard disc
drives and magnetic memories,  they have become an inspiration for testing their  use in
other  areas  including  that  of  magnetic  biodetection.  Obviously,  GMR  and  MTJ  sensors
take pride in finding themselves as one of the most widely investigated magnetic sensors
for bioapplications [12-13]. They are also successful biosensors commercially as they offer
high sensitivities,  flexible sensor geometries and large bead-to-sensor ratio with well  es‐
tablished integrated circuit fabrication technology. However, relatively low signal to noise
ratio of these sensors may often leave scope for erroneous detection. The AMR sensors, in
turn,  offer  greater  ease  of  fabrication  but  the  sensitivity  of  the  AMR  signal  measured
along the  longitudinal  direction  is,  however,  limited by  Johnson noise  originating  from
thermal fluctuations at high frequencies, and by temperature drift at low frequencies [1].
However, the flaws associated with longitudinal AMR measurements can be greatly im‐
proved by measuring the voltage change in the transverse direction instead, a phenomen‐
on known as the planar Hall  effect  [14].  It  has been shown that  by using the PHE, the
temperature drift was reduced by at least 4 orders of magnitude, and nano-Tesla sensitivi‐
ty  has  been exhibited  [15].  In  addition,  compared with  longitudinal  AMR signals,  PHE
signals are more sensitive to local  spin configuration and have much lower background
voltage as well.

We propose here a planar Hall sensor array in exchange biased multilayer structure and
demonstrate the performance of the sensor with the capability of detection of a single mag‐
netic bead. Also, the sensor is further shown to be capable of single biomolecule detection.
Following a brief introduction on the need for exploring magnetic sensors, the book chapter
describes the principle of magnetic sensing and highlights the merits of planar Hall sensor
in terms of field sensitivity and resolution in the second section.

In the experimental parts, the details of the general procedure for fabrication sequence of the
sensor, its characterization and microarray integration were described. Subsequently, an ac‐
count on the theory and experiments of bead detection using planar Hall resistance (PHR)
sensor in different multilayer structures and geometries leading to a complete evolution of
novel PHR sensors is elaborately presented in the fourth section. Nevertheless, a hybrid
AMR-PHR sensor in ring geometry has been identified for optimum sensor performance to‐
wards the end of this section.

In the fifth section, apart from a brief description on the magnetic beads and their function‐
alization, a description of sensor performance and its capability for detection of magnetic
beads including a single magnetic bead is given. This section also presents an account on the
integration of microarray sensors with the aid of microfluidics for performing biomolecule
experiments while showing the possibility of the planar Hall sensor for a sensitive detection
of even single biomolecule. And, finally, it concludes the processes involved with a specific
mention on future trends to cater the needs of the society in general.
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2. Principle of magnetic sensors

The principle  of  detection employed by the  magnetic  sensors  for  magnetic  bioassay in‐
volves a magnetic transduction mechanism which uses the magnetic micro- or nanoparti‐
cles  as  labels.  The  biomolecules  are  commonly  detected  by  attaching  them  to  highly
specific magnetic labels that can, upon their binding, produce an observable quantitative
electrical signal, as compared to the cumbersome detection of light signal from fluorescent
labels. The specificity is traditionally achieved through a biomolecular recognition mecha‐
nism, such as antigen-antibody affinity which can be accomplished by label functionaliza‐
tion, as demonstrated in Fig.1.

Figure 1. Procedure for the immobilization of probe molecule on the sensor surface and hybridization of the target
molecules through Streptavidin coated Dynabeads.

Magnetoresistance (MR) is the property of magnetic materials that results in a change of re‐
sistance with applied magnetic field. The MR materials are being developed for the applica‐
tions such as hard-disk read heads, magnetic random access memories and magnetic field
sensors. The materials that display MR property with desired characteristics can replace the
inductive coil sensors in a variety of applications including that of biomolecule recognition.

2.1. Magnetoresistive materials for sensing

Thin films and multilayer structures in different geometries show MR characteristics specific
to their geometry and all these structures are found to be suitable for one or the other appli‐
cations. The ferromagnetic single layer exhibits an AMR which is measured in the current

Novel Planar Hall Sensor for Biomedical Diagnosing Lab-on-a-Chip
http://dx.doi.org/10.5772/52820

199



direction, while the planner Hall resistance (PHR) effect can be measured in current perpen‐
dicular direction in AMR materials [16]. The AMR and PHR effects are due to the anisotrop‐
ic magnetoresistivity in ferromagnetic layers. The magnetic thin film multilayer structures
can give giant magnetoresistance [17] and tunneling magnetoresistance [18-19] effects and
the MR property of these structures are superior to that of the AMR structure. The GMR
structure consists of two layers of ferromagnetic metal separated by ultra-thin non-magnetic
metal spacer layers. The TMR structures are similar to GMR except that they utilize an ultra-
thin insulating layer to separate two magnetic layers rather than a conductor. The GMR and
TMR effects occur mainly due to the spin-dependent scattering as the current passes from
one layer to the other through the spacer layer. The usual figure of merit of the MR ratio is
traditionally defined as

max min

min
MR(%) 100

R R
R
-

= ´ (1)

where Rmax and Rmin are the maximum and minimum resistance, respectively. The AMR ma‐
terials typically have MR ratios about 2 - 6 %, and GMR structures exhibit 10 - 50 % while
the TMR structures commonly can achieve over 200 % of MR ratio using MgO tunnel barrier
instead of the usual Al2O3.

A majority of the studies in MR effect in thin films are devoted to the research of multilay‐
ered structures showing the largest possible sensitivity of the resistivity for the magnetic
field, and consequently a large number of transition metal-based multilayered structures ex‐
hibiting large MR ratios have been found. In connection with the technological problems to
be solved, this book chapter devotes to a number of MR sensor designs using the planar
Hall effect and tested to linearize the transducer signal, to enhance the resolution limited by
the MR ratio.

2.2. Relevant sensor characteristics

Though there is a wide choice for sensor designs, optimum sensor performance in each de‐
sign can be ensured only when specific sensor characteristics are satisfactorily addressed.
Among these characteristics, the field sensitivity and the sensor resolution are of utmost
concern particularly for a PHR sensor and, thus, they are considered to be described here for
elucidating their importance.

2.2.1. Field sensitivity

The field sensitivity of PHR sensor, i.e., the differential of measured PHR voltage versus ap‐
plied field, can be obtained as
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where I is the current passing through the sensing layer, t is the thickness of the ferromag‐
netic layer, γ is the angle between applied magnetic field and easy axis, HK is the uniaxial
anisotropy field and ρ// and ρ⊥ are the resistivity parallel and perpendicular to the magneti‐
zation, respectively. In Eq. (2), the field sensitivity depends not only on the intrinsic parame‐
ters Δρ= ρ// - ρ HK, and exchange bias field (Hex), but also on the extrinsic parameters such as
the magnetization angle at an instant applied field, θ, and the applied magnetic field H.

In a typical curve of PHR signal with applied magnetic field, the maximum field sensitivity
of PHR sensor is appeared at low (near zero) magnetic fields. Therefore, the PHR sensor can
be used as low magnetic field sensors. Also, the PHR signal does not depend on the sensor
size such as the width and length, and therefore, the micro or nano meter order of sensor
size is possible by maintaining the same output signal. Thus, the PHR sensor is one of the
good candidate bio-sensors for the micro- or nano- bead detector.

2.2.2. Resolution (S/N)

A comparative study of the sensor’s characteristics was made systematically and summar‐
ized in Table 1 for some of the sensors in practice [12]. It must be mentioned that all the
compared sensors have similar active areas and were normally designed for detection of sin‐
gle or small number of micro-size particles.

In Table 1, the part (A) represents the dimensions and properties of different sensor devices
compared. The represented thickness is that of the sensing volume used in 1/f noise calcula‐
tions. Whereas the part (B) shows calculated signals obtained from a single 2 µm bead at the
center and on the top of the sensor (the center of the bead is 1.2 µm away from the sensing
element), when a 15 Oe rms field is applied. Also represented are the 1/f noise and the ther‐
mal noise contributions, and the minimum detectable field as calculated from the expres‐
sions in the text, and the signal-to-noise ratio under the conditions described in the text.

Table 1. (from ref.12)
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The comparison results have shown that the PH-AMR or PHE sensor has prominent advan‐
tages over others such as very high signal-to-noise ratio (S/Nf) as well as very high resolu‐
tion (µoHmin) in the detection of the magnetic field. Furthermore, the voltage profile of a PHE
sensor responds linearly to the magnetic field at the small values. This is a prominent ad‐
vantage in detection of small stray field induced from magnetic labels. Therefore, we have
chosen and mainly focused on the development of the PHE sensors for bio-applications.

3. Sensor fabrication and characterization

3.1. Fabrication procedure of a novel planar Hall sensor

Nowadays, with the advancement of the accurate sputtering and lithography technologies,
the sensor with desired composition in micro-size can be easily fabricated by using a lift off
method. The general fabrication procedure of a novel exchange biased planar Hall sensor,
for example in typical spin valve geometry, using the lift off method is shown in a simpli‐
fied description in the figure 2 below. However, the same procedure is applied for fabrica‐
tion of other PHR sensors too in different geometries mentioned in this book chapter.

The SiO2 wafer is first cleaned in the acetone and methanol solutions while placing in the
ultrasonic bath, then the SiO2 wafer is covered by a commercial photoresist such as Az
(5214E, 9260,…) or SU8-(2000, 3000,…) by using a spin coating system with a defined thick‐
ness. The blank cross-junctions are stenciled out on the photoresist coated on SiO2 wafer i.e.,
the sample is aligned and exposed by a mask aligner system. The short wavelength of ultra‐
violet source i.e., 456 or 654 nm is used for the exposure, and then the sample is developed
by an appropriate developer followed by cleaning the same in DI water.

The sensor materials, i.e., spin-valve structure Ta(5)/NiFe(10)/Cu(1.5)/NiFe(2)/IrMn(10)/Ta(5)
(nm), is deposited on the stenciled photoresist layer by using magnetron sputtering system.
The base pressure of the system is less than 10-7 Torr and the Ar working pressure is 3
mTorr. During the deposition, a uniform magnetic field of 200 Oe was applied in the thin
film plane to induce magnetic anisotropy of the ferromagnetic pinned layer and to define
the unidirectional field of the thin films. After the thin film deposition, the sample was lifted
off in acetone and methanol solutions in order to remove the photoresist as well as the sen‐
sor material on this photoresist, so that the sensor material exists on the stenciled junctions
only.

After fabricating sensor junctions, the electrodes made by Au are connected with sensor
junction to establish the external circuitry and to measure the sensors’ response. Further, the
sensor junctions and the electrodes are passivated with a SiO2 or a Si3N4 layer coated on top
of the sensor junctions and electrodes to protect them from the corrosion and fluid environ‐
ment during the experiments. Finally, the sensor is activated by a very thin Au layer for bio-
molecule immobilization. All these steps are carried out at the same way for all the sensors
as the steps for the sensor junction fabrication.
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Figure 2. The pattern processes for fabricating the sensor junction, electrodes, passivation and Au activation layers of
a planar Hall sensor, this sensor is ready for bio-manipulation.

3.2. Sensor characterization

The quality of the spin-valve structure, Ta(3)/NiFe(10)/Cu(1.5)/NiFe(2)/IrMn(10)/Ta(3) (nm),
as observed by a cross sectional transmission electron microscope (TEM) image and also by
an energy dispersive X-ray (EDX) spectrum along its thickness, are shown in Fig. 3. The
TEM-specimen was prepared by polishing the Si/SiO2 substrate mechanically to a thickness
of about 100 µm. After that, the dimpling and hollowing steps were performed at the opti‐
mum conditions to ensure that the sample is undamaged by using a GATAN-691 precision
ion polishing system (PIPS), i.e., using the Ar-ion beam with an energy of 4.3 keV and under
an angle of 6o.

It is evident from Fig. 3(a) that the existence of a multilayer structure is clearly revealed as
pointed out by an arrow for each layer. The both seed and top layers of Ta have amorphous
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behavior and the thickness is about 3 nm. However, there is a difference in the color of the
two layers; this can be assumed that the Ta top layer is slightly oxidized [20]. The IrMn layer
is well defined, and its thickness is about 10 nm as the nominal thickness when the layer is
deposited. In the NiFe/Cu/NiFe region, it is clearly seen that the diffusion of Cu takes place
into the adjacent NiFe layers. This kind of diffusion is known to influence the anisotropy
significantly [21]. There is also an existence of a rumpling or even a rupture of the layers in
some parts. This can be explained when considering the roughness of the NiFe layers; the
roughness of NiFe layer is normally about 1.5 – 2 nm [22].

Figure 3. A cross sectional TEM image (a) and an EDX spectra (b) of a spin-valve structure Ta(3)/NiFe(10)/Cu(1.5)/
NiFe(2)/IrMn(10)/Ta(3) (nm).

The result of the cross sectional TEM image is supported by the EDX patterns of the same
sample shown in Fig 3(b). It can be seen that the peak of Cu is mixing inside the Ni and Fe
peaks indicating the diffusion of Cu in NiFe layers. The overlap between the peaks of Ta
and Ni (Fe), of Ta and Ir (Mn), and of Ir (Mn) and Ni (Fe) confirms the roughness at the sur‐
face of the NiFe and IrMn layers. Moreover, the shadow in Ni and Fe peaks (black arrows in
Fig. 3(b)) indicates the separation of the NiFe pinned and NiFe free layers.

The magnetic property of the fabricated spin-valve structure used for sensor material is
characterized by a vibrating sample magnetometer (VSM) of the make Lakeshore 7407 series
with a sensitivity of 10-6 emu. The external magnetic field is swept in the film plane.

In order to achieve the magnetic anisotropy of the free layer in the fabricated spin-valve
structure, we measured the magnetization as a function of external magnetic field in the
range of ± 80 Oe in both the easy and hard axis, which is presented in Fig. 4. The shift along
the external magnetic field axis of the magnetization profile (M(H)) in the easy axis indicates
an effective uniaxial anisotropy field of the spin-valve structure (HKeff) by incorporating the
free layer shape anisotropy field (Hdemag.) and its uniaxial anisotropy field (HK) analyzed
from the shift of the M(H) profile in the hard axis (HKeff = HK + Hdemag.) [23]. This indicates
that the free NiFe layer (active layer) has very good anisotropy characteristic for further
study of the PHE sensor. In addition, the inset in Fig. 4 exhibits a two-step hysteresis loop;
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one is from the interlayer coupling and the other is from the exchange bias coupling. The
magnetization of the first hysteresis loop (contributing from 10 nm NiFe free layer) is five
times larger than the second one (contributing from 2 nm NiFe pinned layer). The interlayer
coupling between the ferromagnetic (F)-free and F-pinned layers separated by a non-mag‐
netic layer (Cu) is determined from the first step of the hysteresis loop. Whereas, the ex‐
change bias field due to the interface between the F-pinned and antiferromagnetic (AF)
layers is determined from the second step of the hysteresis loop. The obtained interlayer and
interfacial coupling fields are 11 Oe and 550 Oe, respectively. This result elucidates that the
NiFe pinned and NiFe free layers are separated by a Cu layer.

Figure 4. Hysteresis loops of the spin-valve thin film, Ta(3)/NiFe(10)/Cu(1.5)/NiFe(2)/IrMn(10)/Ta(3) (nm), character‐
ized in the easy and hard axis in the field interval from + 80 to -80 Oe. The inset shows the hysteresis loop character‐
ized in the easy direction in the field range of -800 to 20 Oe.

3.2.1. Microarray of the magnetic sensors

Fig. 5 shows a complete micro-array of planar Hall resistance (PHR) sensors. In the figure, it
was shown that the unidirectional field, Hex, and/or the uniaxial field of the thin film were
aligned parallel to the terminals a–b, and a sensing current of 1mA was applied through
these terminals. The output voltages were measured from the terminals c and d at room tem‐
perature under a specific range of external magnetic field applied normal to the direction of
the current.
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Figure 5. Complete micro-array of a 24 element PHR sensor(a), which can even detect a single micro-paramagnetic
Dynabead M®-280. Inset of the figure (b) shows a single micro sized cross-junction.

4. Evolution of novel PHR sensors

Among all the developed magnetoresistive sensors for bioapplications, we mainly focus on
the development of PHE sensor because it has prominent advantages compared with others
such as signal-to-noise ratio, linearity signal etc. Various structures will be used for planar
Hall sensor i.e., bilayer, trilayer and spin-valve. Therefore, a short introduction of these mul‐
tilayer structures will be given in this section. Also, the theoretical approach of planar Hall
effect in different sensor geometries, such as cross-junction, tilted cross-junction and ring
junction, will be discussed. Finally, the description leads to evolution of hybrid AMR-PHR
sensor with optimized sensor characteristics for effective use in bioapplications.

4.1. AMR sensor

The magteoresistive anisotropy in ferromagnetic material depends on the direction of mag‐
netization. The electric field due to the magnetoresistivity is expressed as follows [24];

( ) ( )llE j m j mr r r^ ^= + - ×
r rr r r (3)

where m→  is magnetization vector in single domain, and j
→
 is current density direction. The ρ

and ρ// are the resistivity when the magnetization vector and current density direction are
perpendicular and parallel, respectively. The Δρ= ρ// - ρ is defined by the anisotropic resis‐
tivity, which is the intrinsic resistivity by the spin-orbit scattering in ferromagnetic materi‐
als. In Eq. (3), the electric field can be measured in the current direction as well as
perpendicular to current direction due to the anisotropic resistivity, which are called, as
mentioned, as the AMR and PHR, respectively.
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The AMR properties have been discovered at ferromagnetic material by William Thomson
in 1857 [25]. In the AMR response, varying differences between the direction of the magnet‐
izing vector in the ferromagnetic film and the direction of the sensing current passing
through the film lead to varying the resistance in the direction of the current. The maximum
resistance occurs when the magnetization vector in the film and the current direction are
parallel to one another, while the minimum resistance occurs when they are perpendicular
to one another. The resistance change by AMR effect in the patterned film with thickness t,
width w and length l can be expressed from Eq. (3).

2
AMR ( cos )V I R R q^= + D (4)

where ΔR =(ρll −ρ⊥)l /ωt  is the anisotropic magnetoresitivity and the θ is the angle between
the magnetization vector and current, I. In AMR effect, the MR ratio is expressed as
ΔR / R⊥ ×100. The AMR effect has an offset resistance of R┴. This offset resistance must be
reduced to improve the performance by using a compensating voltage or a Wheatstone
bridge circuit [26].

4.2. Planar Hall resistance sensor

The planar Hall resistance (PHR) in ferromagnetic thin films was considered when the resis‐
tivity depends on the angle between the direction of the current density j and the magneti‐
zation m. For magnetization reversal of the single domain when m makes an angle θ with j,
the electric field is described as follows;

PHR //( )sin cosE j r r q q^= - (5)

The PHR effect also varies when there is a difference between the direction of the magnetiz‐
ing vector in the ferromagnetic film and the direction of the sensing current passing through
the film; however, it leads to varying the resistance in the perpendicular direction of the cur‐
rent only. The longitudinal component of PHR voltage is related to EPHR in Eq. (3) and can be
revealed when anisotropy of resistivity exists. On the other hand, in this sensor, the meas‐
ured PHR voltage was described as follows:

PHR
( )

sin cosllI
V

t
r r

q q^-
= (6)

where t is the thickness of ferromagnetic film. The PHR in Eq. (6) varies with the angle θ.
The PHR does not impose the offset resistance. Therefore, it has the advantage of obtaining
a large PHR ratio and a linear response characteristic when the angle θ having a small value.
The PHR effect depends on the intrinsic magneto-resistivity, Δρ =ρll −ρ⊥ and the sample
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thickness, t. This means that the PHR signal does not depend on the sensor size (width ω
and length l). Therefore, the PHR sensor can be used as the micro- or nano sized sensor for
the micro- or nano- bead detection maintaining the large output signal voltage.

In order to analyze the PHR signal with magnetic field, we must know the angle θ between
the magnetization vector and current direction, which depends on the magnetic field. Fig. 6
shows the general coordinates used to describe the rotational magnetization process under
the applied magnetic field in ferromagnetic/antiferromagnetic (F/AF) coupled samples. Hex

is the exchange coupling field due to the antiferromagnetic layer, and it shows a biasing
field effect. Ku is the effective in-plane anisotropy constant with an angle γ from Hex.

Figure 6. The coordinates for domain rotation process. Here, γ and θ are the angles of the anisotropy constant, and
magnetization from the exchange-coupling field, Hex, respectively, and I is the measuring current.

The applied magnetic field H is directed perpendicular to Hex, and force the magnetization
to rotate by an angle θ towards H. We introduce the modified Stoner-Wolfforth model with
magnetic energy density, ET for the F layer in the F/AF sample, which can be written in the
following simple form [12, 27]

2
T u s ex ssin ( ) sin cosE K HM H Mq g q q= - - - (7)

where Ms is the saturation magnetization. The angle θ determines the orientation of the
magnetization in an equilibrium state with minimum total energy, whose values are calcu‐
lated under the conditions of ∂ET/∂θ=0.
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Figure 7. (a) Calculated VAMR and (b) VPHR with applied magnetic field in single ferromagnetic film

Fig. 7 shows the calculated VAMR and VPHR in ferromagnetic single layer without exchange
bias field, Hex. The measuring configuration of AMR and PHR voltage is shown in the inset
of the figures. The current was applied parallel to the easy axis and the magnetic field was
applied parallel to the hard axis of the magnetic thin film. The AMR voltage was measured
in the direction of the sensing current passing through the film, while the PHR voltage was
measured in the perpendicular direction of the sensing current. In the case of AMR effect,
the signal shows the symmetric behavior in the functions of applied magnetic field with off‐
set voltage of R⊥. The PHR signal shows the linear behavior in the functions of applied mag‐
netic field with zero offset voltage.

Therefore, the PHR sensor justifies that it can be used as the micro- or nano- sized magnetic
field sensor for the detection of the micro- or nano- bead. The PHR signal in ferromagnetic
single layer shows large hysteresis behavior. The hysteresis effect is due to the switching of
the magnetization in ferromagnetic layer. In order to remove the hysteresis of PHR, the ex‐
change biased F/AF bilayers are considered.

Novel Planar Hall Sensor for Biomedical Diagnosing Lab-on-a-Chip
http://dx.doi.org/10.5772/52820

209



4.3. PHR effect in exchange biased F/AF multilayer structures

The single ferromagnetic layer with high AMR ratio such as NiFe, CoFe and NiCo alloys has
the uniaxial anisotropy. The easy axes for stable magnetization direction are 0 and 180 de‐
grees. If one cycle of magnetic field is applied in the perpendicular direction to the easy axis
in ferromagnetic films, the magnetization direction changes from 0 to 90 degrees as the mag‐
netic field increases, and 90 to 180 degrees as the magnetic field decreases. And then the di‐
rection of the magnetization changes from 180 to 270 and then to 360 degrees as the reversed
magnetic field increases and decreases. In that case, the AMR and PHR, which are depend‐
ent on the angle between the current and magnetization directions, can show the large hys‐
teresis loop. On the other hand, the exchange biased F/AF bilayers induce the unidirectional
anisotropy, which rotates the magnetization direction from 0 to 90 and 90 to 0 degrees as the
magnetic field increases and decreases, respectively. It means that the AMR and PHR signal
in exchange biased F/AF bilayers show the reversal behavior and the hysteresis can be dis‐
appeared.

Figure 8. VPHR signal with applied magnetic field in exchange biased F/AF bilayers

Fig. 8 shows the calculated PHR signal for the exchange biased F/AF bilayers. By comparing
the PHR signal of the exchange biased F/AF bilayers in Fig. 8 with that of the single ferro‐
magnetic layer in Fig. 7(b), we can clearly confirm that no hysteresis behavior of PHR signal
takes place in exchange biased F/AF bilayers. The exchange bias field, Hex plays the role of
the reversible rotation of the magnetization as the magnetic field changes, which is due to
the unidirectional anisotropy compared with the uniaxial anisotropy in single ferromagnetic
layer. Also the reversible rotation of the magnetization in exchange biased F/AF bilayers can
reduce the Barkhausen noise, which is usually dominated in the irreversible domain motion.
Therefore, the signal to noise ratio (S/N ratio) of PHR sensor can be increased by using the
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layer. Also the reversible rotation of the magnetization in exchange biased F/AF bilayers can
reduce the Barkhausen noise, which is usually dominated in the irreversible domain motion.
Therefore, the signal to noise ratio (S/N ratio) of PHR sensor can be increased by using the
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exchange biased F/AF bilayers. Further, the PHR effect in exchange biased bilayers shows
good linearity and thus it has the advantage for magnetic field sensor application. In the
case of GMR or TMR materials, though they have high MR ratios, however, theirs’ linearity
is not good compared with the PHR signal. Therefore, PHR effect in the exchange biased
F/AF bilayers has advantages in use as a bio-sensor for micro or nano bead detection.

4.3.1. Bilayers

There exists an interfacial coupling in F/AF bilayers. The hysteresis loop of the F layer, in‐
stead of being centered at zero magnetic field, is now displaced from H = 0 by an amount
noted as the exchange field Hex, as if the F layer is under a biased magnetic field. Hence, this
phenomenon is also known as exchange bias [28]. In such a structure the anisotropy may
behave as unidirectional anisotropy. Technologically, exchange bias is of crucial importance
in the field-sensing devices. An example M(H) loop of Ta(3)/NiFe(10)/IrMn(10)/Ta(3) (nm),
which is usually the structure being used for fabricating a sensor, is used for this study. The
center of the hysteresis loop of this bilayer, as shown in Fig. 9, is shifted from zero applied
magnetic field by an amount Hex, the exchange bias field.

Figure 9. The shifted hysteresis loop in an exchange biased bilayer thin film

In a bilayer structure, the exchange coupling between the F and AF layers can easily induce
the unidirectional magnetic anisotropy of the F layer. In addition, the F layer is improved to
be constrained to the magnetization in coherent rotation towards the applied fields, so the
sensor can prevent Barkhausen noise associated with the magnetization reversal, and im‐
proves the thermal stability [29]. Because of these advantages, a bilayer structure is a good
candidate for developing sensor materials.
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Bilayer has been used as PHE sensor materials by M.F. Hansen et al, C.G. Kim et al, and
F.N.V. Dau et al. It is revealed from the literature that the sensitivity of a PHE sensor is in‐
creased with the thickness of ferromagnetic layer up to 20 nm [27].

4.3.2. Spin-valves

The spin-valve structure, as shown in Fig. 10(a), which was known as a simple embodiment
of the GMR effect, typically consists of two F layers separated by a nonmagnetic conductor
whose thickness is smaller than the mean-free path of electrons. The magnetic layers are un‐
coupled or weakly coupled in contrast to the generally strong AF state interaction in Fe-Cr-
like multilayer; thus the magnetization of F layer with uniaxial anisotropy can be rotated
freely by a small applied magnetic field in the film plane, while the magnetization of other
magnetic layer had unidirectional anisotropy and was pinned by exchange bias coupling
from AF layer. If the relative angle between the magnetization of the two layers changes, a
giant magnetoresistance change occurs.

In an illustrative demonstration of the operation of the spin-valve, the applied magnetic
field is directed parallel to the exchange biased field and cycled in magnitude. The M(H)
loop and the corresponding magnetoresistance curves are shown schematically in Fig. 10(b)
and (c), respectively.

Figure 10. (a) Schematic of a typical spin-valve structure, (b) Hysteresis loop, and (c) magnetoresistance of a spin-valve
sample of composition, Ta(5)/NiFe(6)/Cu(2.2)/NiFe(4)/FeMn(7)/Ta(5) (nm), at room temperature [27, 30].

The sharp magnetization reversal near zero magnetic field is due to the switching of the free
magnetic layer in the presence of its weak coupling to pinned magnetic layer. The more
rounded magnetization reversal at higher magnetic field is due to the switching of the pin‐
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ned magnetic layer, which overcomes its exchange biased coupling to an AF layer for these
fields. Therefore, it was emphasized that a spin-valve here makes use of two different ex‐
change couplings; exchange biased coupling from pinned layer to AF layer and interlayer
exchange coupling between two magnetic layers, which in origin, was tentatively assigned
to a Ruderman–Kittel–Kasuya–Yosida (RKKY) interaction. The relative orientations of two
magnetic layers were indicated by the pairs of arrows in each region of the M(H) curve
where the resistance is larger for antiparallel alignment of the two magnetic layers.

In order to optimize the spin-valve structure for high sensitivity PHE sensor, Kim's group
has investigated systematically the effect of the thickness of F-pined and F-free layers (tf and
tp) in the spin-valve structure Ta(5)/NiFe(tf)/Cu(1.2)/NiFe(tp)/IrMn(10)/Ta(5) (nm) with tf = 4,
8, 10, 12, 16, 20 nm, and tp = 1, 2, 6, 9, 12 nm. The results show that the sensitivity is increased
linearly with tf and is decreased exponentially with tp in the investigated range. As the re‐
sult, the optimized spin-valve structure for highest sensitivity is Ta(5)/NiFe(20)/Cu(1.2)/
NiFe(1)/IrMn(10)/Ta(5) (nm). The details explanation could be found in Ref 13.

4.3.3. Trilayers

The origin of interlayer coupling in F/spacer/AF trilayer structure is totally different from in‐
terlayer coupling induced in F/spacer/F multilayer thin films. The observation of F/AF ex‐
change coupling across a nonmagnetic layer by Gökemeijer et al., [31] demonstrates that the
exchange bias is a long-range interaction extending to several tens of Å. This coupling is not
oscillatory but decays exponentially as J ~ exp(-t/L). The range of F/AF exchange coupling is
specific to the spacer material, and thus most likely electronic in nature.

In our experiment, we choose Cu as spacer layer in the trilayer structure, Ta(3)/NiFe(10)/
Cu(0.12)/IrMn(10) (nm), because it gives a small exchange coupling with a thin Cu layer. In
the sensor application, it can reduce the shunt current resulting in enhanced sensitivity. The
exchange coupling of the trilayer structure, determined by the shift of the hysteresis loop in
the magnetic field direction and is measured in the order of few tens of Oe, is one order
smaller compared with the exchange coupling in a typical bilayer structure (in order of hun‐
dred Oe) as shown in Fig. 9. A comparison of the PHE voltages generated by the bilayer,
spin-valve and trilayer structures and their corresponding sensitivities are shown in Fig. 11.
Thus, it can be easily seen from the figure that the trilayer structure can improve the field
sensitivity of a sensor better than those of the bilayer and spin-valve structures [32].

4.4. Sensor geometry

The performance of the sensor depends largely on its physical geometry. There were several
geometries reported in the literature in the design of planar Hall sensor. Among these geo‐
metries, the cross-junction and circular geometries need special mention as they result better
performance of the sensor. Thus, it is intended to present the results of the sensor for better
understanding of the sensor performance when the geometries are explored in the form of
cross-junction, tilted cross-junction and circular ring junction.

Novel Planar Hall Sensor for Biomedical Diagnosing Lab-on-a-Chip
http://dx.doi.org/10.5772/52820

213



4.4.1. Cross-junction

In this part, we discuss the effect of the sensor size on the output voltage of a cross-junction
PHE sensor.

Figure 12. (left) Illustration of a fabricated PHR sensor, (right) top view micrograph of a single 50 μm × 50 μm PHE
sensor junction

Figure 11. Comparison of the PHE performance between the bilayer, spin-valve and trilayer structures.
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Fig. 12 (left) shows the illustration of a fabricated PHR sensor and the Fig.12 (right) shows
the SEM image of the passivated single sensor cross-junction of the size 50 µm × 50 µm. The
terminals a-b represents the current line and c-d represents the voltage line. The unidirec‐
tional anisotropy field, Hex, and the uniaxial anisotropy field of the thin film are aligned par‐
allel to the long terminals a-b. Planar Hall effect (PHE) profiles were measured by the
electrodes bar c-d with a sensing current of 1 mA applied through the terminals a-b and un‐
der the external magnetic fields ranging from – 50 Oe to 50 Oe applied perpendicular to the
direction of the current line and in sensor plane. The induced output voltages of cross-junc‐
tions were measured by means of a Keithley 2182A Nanovoltmeter with a sensitivity of 10
nV. All these sensor characterizations were carried out at room temperature.

For studying the size effect in planar Hall sensor, cross-junctions with various sizes of x × 50
µm2 and 50 × x µm2, (x = 30, 50, 100) using spin-valve structure Ta(3)/NiFe(10)/Cu(1.5)/
NiFe(2)/IrMn(10)/Ta(3) (nm) were fabricated. For estimating the free layer magnetic aniso‐
tropy of the fabricated spin-valve structure, we measured the magnetization as a function of
the external magnetic field in the range of ± 80 Oe in both the easy and hard axis (refer to
Fig. 4). As mentioned, the shift along the field axis of the magnetization profile in the easy
axis indicates that the free NiFe layer (active layer) has very good anisotropy characteristic
for further studying the PHE voltage profiles of the sensor.

The PHE voltage profiles of the fabricated sensors with various junction sizes are given in
Fig. 13. Analogous to the other PHE results, the PHE voltage in all the sensor junctions ini‐
tially changes very fast and appears linear at low fields, reaches a maximal value at H ~ 11
Oe and finally decreases with further increase in the magnetic fields.

Figure 13. The PHE voltage profiles of the various size sensor junctions based on the spin-valve thin film Ta(3)/
NiFe(10)/Cu(1.5)/NiFe(2)/IrMn(10)/Ta(3) (nm)
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It is noteworthy that the maximum value of the PHE voltage profile is obtained at the field
close to the effective uniaxial anisotropy field, HKeff, of the free layer. This finding was stud‐
ied systematically in a spin-valve structure and has been reported, previously [31-34]. More‐
over, it is observed in the linear response region (at the field range from -11 Oe to 11 Oe)
only despite having variation in the junction size, and the slope of the PHE voltage profile
remains constant. That means there is no change in the field-sensitivity when the sensor
junction is varied either in length or width.

The theoretical voltage profile of the fabricated PHE sensor was also calculated with a set of
following parameters: Ku = 2×103 erg/cm3, Ms = 800 emu/cm3 for the NiFe, J = 1.8×10-3 erg/cm2

(J = tMsHint), HK = 2Ku/Ms, I = 1 mA and Vo =
I (ρ// −ρ⊥)

t = 62 µV and the calculated result is

represented as solid line in Fig. 13. The excellent agreement between the theoretical and ex‐
perimental results confirms the point that the field-sensitivity of the PHE sensor is inde‐
pendent of the size of the cross-junction.

This result is important for the bio-applications because the sensitive detection of low bimo‐
lecular concentration is proportional to the junction size.

4.4.2. Tilted cross-junction

The idea behind the study of the tilted cross-junction is to combine some of the magnetore‐
sistive effects, such as GMR, AMR and PHE and to explore how beneficial the sensor could
be in its performance [35]. Therefore, the spin-valve structure which has GMR effect causing
by spin scattering of electron between two F layers through a spacer layer, AMR and PHE
effects causing by the spin-orbit coupling in the F layer are the best candidates for a sensor
material.

To study the tilted cross-junction bars, 100 µm × 50 µm, with various tilt angles of ζ = 0o, 4o, 8o,
10o, 30o, 45o using Ta(5)/NiFe(6)/Cu(3)/NiFe(3)/IrMn(15)/Ta(5) (nm) spin-valve structure are
fabricated. The tilted cross-junction bar with a tilt angle ζ is shown in Fig. 14, in which the angle
between the electrodes a–b and c–d is deliberately altered from 90° to 45°. The unidirectional
field, Hex, and the uniaxial field of the thin film were aligned parallel to the long terminals a-b,
and sensing current of 1 mA was applied through these terminals. Output voltages were meas‐
ured from the short terminals c and d at room temperature under the external magnetic fields
ranging from - 45 Oe to 45 Oe applied normal to the direction of the current bar.

In general, the GMR and AMR effects could be obtained from the parallel direction to the
current bar or longitudinal part while the PHE can be obtained from the transverse part of
the sensor junction. Therefore, in a novel design of the sensor based on the tilted cross-junc‐
tion the longitudinal and transverse contributions could be combined together in one sen‐
sor. In this tilted junction, we observed that there is an enhancement of PHE sensitivity and
better linearlity of MR longitudinal component.

In Fig. 15 we demonstrated the output voltage profiles of the sensor junctions with different
tilted angles. It clearly shows an increase in amplitude of the output voltage profile with in‐
creasing tilted angle ζ and the upward shift of the drift voltage. In particular, a significant en‐
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hancement of sensor sensitivity by about 30% is observed when the cross-junction is tilted with
an angle of 45o, and in this case, the sensitivity about 9.5 µV/Oe is reached. It is also notewor‐
thy to observe a gradual change in the shape of the output voltage profile from asymmetric to
symmetric which implies a corresponding increase of longitudinal MR voltage due to the in‐
crement of tilted angle in the cross-junction, i.e., for the first case when ζ = 0o, the voltage pro‐
file corresponds to the PHE only. In the other tilted cross-junctions (ζ ≠ 0o), the output voltage
profiles consist of the PHE, AMR and GMR components.

In order to understand the voltage contribution from each effect in a titled cross-junction
quantitatively, we have performed systematic investigations on the role of the MR and PHE
in the tilted cross-junction. In such case, it was noticed that the active PHE region and active
MR region are from the transverse part and longitudinal part of the sensor, respectively.
When the tilt angle of cross-junction increases, the length of the transverse part (xt in Fig. 14)
decreases and the length of longitudinal part (xl in Fig. 14) increases accordingly.

It is observed that the PHE voltage is independent of the junction size irrespective of its
change in the length or the width in previous part. Therefore, the PHE voltage component in
the tilted cross-junction is always a constant. Then the transverse PHE component (corre‐
sponding to ζ = 0o) is decomposed from experimental data for different tilted cross-junc‐
tions. The decomposed results are illustrated in Fig. 16 for the sensor junction with ζ = 10o.
Clearly, a strong contribution of the longitudinal MR component is evidenced. However, the
PHE dominates good linearity and high sensitivity at low magnetic fields.

Figure 14. The geometry of a tilted cross-junction. The width of current and voltage bars are 100 μm and 50 μm, re‐
spectively. The inset shows the micrograph of the cross-junction with tilt angle ζ = 10o.
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Applying the above mentioned decomposition procedure for all investigated sensor junc‐
tions, one can derive the values of the drift (minimal) voltage (VMRmin), the MR voltage (or
the MR voltage change in external magnetic fields) (ΔVMR = (VMRmax − VMRmin)) and the per‐

centage of voltage change of the longitudinal MR voltage profile (ΔVMR/VMRmin ).

The results are listed in Table 2. Note that, VMRmin and ΔVMR increases as the tilted angle in‐
creases and thus the ΔVMR enhances the total output voltage profiles.

ζ (o) S (μV/Oe) VMRmin (μV) ΔVMR(μV) ΔVMR/VMRmin×100 (%)

0 7.4 - - -

4 7.5 1799 11.0 0.61

8 7.6 3877 24.0 0.62

10 7.7 5021 30.5 0.61

30 9.1 15752 94.5 0.60

45 9.5 22385 136.0 0.60

Table 2. The sensor sensitivity (S) and values of the minimal voltage (VMRmin), MR voltage change in the applied fields
(ΔV MR), relative voltage change of the longitudinal MR voltage profile (ΔVMR/VMRmin) of different tilted cross-junctions

Figure 15. The experimental and theoretical voltage profiles of cross-junctions with different tilt angles of 0o, 4o, 8o,
10o, 30o, 45o.
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Generally, the longitudinal MR component was contributed from AMR and GMR effects
[25,36]. The total output voltage induced from these effects satisfies the following equation
[33]:

2
MR s psin (1 0.5 GMR (1 cos( )) AMR cos )V I R z q q q= ´ ´ ´ + ´ ´ - - + ´ (8)

In this equation, θp is the angle between the magnetization direction of the F-pinned layer
and the easy axis of F-free layer, and the drift voltage term (I × Rs ×sinζ) was modified from
Ref. [33] in accordance with the investigated sensor junctions, because it depends on the
length of the sensor junction. The increased length of the active region of the MR compo‐

Figure 16. PHE and MR voltage components are decomposed from the experimental voltage profile of the sensor
junction with the tilt angle ζ = 10o (a) at the field range of ±45 Oe and (b) at the field ranging from 0 to 8 Oe to illus‐
trate the linearity of the sensor. In this figure, the origin of the PHE voltage component is adjusted to the minimum
voltage of the MR components.
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nents depends on the sinusoidal function of tilt angle ζ. From Eq. (8), if the sensor junction
has no tilt angle, VMR is zero, in which case the sensor has only the PHE contribution. When
the junction starts to tilt, the MR components contribute to the total sensor output voltage.
The drift voltage and then the MR voltage depend on sinusoidal function of the tilt angle (~
I × Rs ×sinζ) [37].

The decomposed MR voltage profiles can be described with values of the sheet resistance Rs

= 28.5 Ω, GMR = 1.8 % and AMR = 0.4 %. Other parameters are kept the same as for the PHE
voltage profile calculations. The trend of the calculated results of representative sensor junc‐
tion with ζ = 10o is presented by the red solid line in Fig. 16.

Finally, the total output voltage profiles of the tilted junctions are calculated by combining
both the PHE and MR components represented in Eq. (8). The results are shown by solid
lines in Fig. 16, where the calculated drift voltages are adjusted to the experimental drift vol‐
tages. It is clearly evident that a rather good consistence between the experimental and the
calculated data is obtained. Thus, the tilted cross-junction exhibited not only a better sensi‐
tivity in comparison with individual PHR sensor but also a better linearity compared with
individual MR sensor.

4.4.3. Ring junction

The idea to develop the sensor based on a ring is to combine both the PHE and AMR com‐
ponents in one ring junction [38]; thus, the output voltage of the sensor can be enhanced. In
the following, the role of the output signal as well as the optimization results will be dis‐
cussed.

Firstly, for studying the role of the signal in the ring junction, we design the ring with differ‐
ent configurations. These rings have the same diameter of 300 µm and the same width of 20
µm. The illustration schemes and the tested results corresponding to each configuration us‐
ing exchange biased structure Ta(3)/NiFe(50)/IrMn(10)/Ta(3) (nm) are given in Fig. 17

Figure 17. Designed rings with different Au electrode configurations and their corresponding output voltage profiles
for the case of AMR arms (a), PHR elements (b) and a full ring (c) in the exchange biased structures shown in the inset.
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It is evident from Fig. 17 that the signal change in the case of a full ring (350 µV) is close to
the sum of the signals in the cases of a AMR arms (300 µV) and PHR elements (50 µV).
Based on these obtained results we assume that, in the full ring junction, there exist two
components AMR (Fig. 17(a)) and PHR (Fig. 17(b)).

4.5. Hybrid AMR and PHR ring sensor – Optimized performance

In order to optimize the performance of the sensor using a ring junction, efforts were made
to design an hybrid AMR and PHR ring sensor. It is known that the maximum voltage of the
AMR and PHR voltages in the ring can be calculated using:

AMRo

PHRo

r IV
t
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t

r
w
r

D
=

D
=

(9)

where r and ω are the radius and the width of the ring junction, I is the applied current, t is
the thickness of the sensor material.

It is clear from the above that the PHR component is always constant while the AMR com‐
ponent increases linearity with the increase in r/ω ratio. It is noteworthy that when r/ω = 1
the AMR voltage is equal to the PHR voltage, in which case the ring becomes the full disk.
By fixing IΔρ/t = 1, the output signal of the sensor is calculated, and the result is shown in
Fig. 18.

The results in Fig. 18 ensure that the higher the r/ω ratio the larger the output voltage of the
ring. To increase the r/ω ratio, basically, we can increase the radius, r, or reduce the width,
ω, of the ring. However, for integrating with the other devices using present silicon technol‐
ogy, the ring size must be restrained to a certain limit. We assume that the ring size should
be limited to about 300 µm, corresponding to the radius of r = 150 µm. The second problem
that must be considered for optimizing the sensor performance is the width of the ring; the
thinner the width, the higher the resistance, therefore, the higher output voltage can be ach‐
ieved. But the width can not be made so thin, because the heat generated during the work‐
ing time will burn the sensor junction. By considering these parameters, the optimized ring
will have the radius of 150 µm and the width of 5 µm (r/ω = 30).

The results of the sensitivity versus r/ω of the ring sensor using bilayer and trilayer struc‐
tures (Ta(5)/Ru(1)/NiCo(10)/IrMn(10)Ru(1)/Ta(5) and Ta(3)/NiFe(10)/Cu(0.12)/IrMn(10)/
Ta(3) (nm) are illustrated in Fig. 19. It is abundantly clear from the figure that the ring sensor
using trilayer structure has higher sensitivity compared to that of bilayer structure. So the
best performance of the ring is obtained using the trilayer structure, in which case the sensi‐
tivity is about 340 µV/Oe, and this is a much improved sensitivity compared to the sensitivi‐
ty of an AMR or a PHR sensor (normally, the sensitivity of PHR sensor < 15 µV/Oe).
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Figure 18. The calculation and experimental results of PHR and AMR output voltage components versus r/ω ratio of
the ring. The insets show schematics of a ring junction with defined r and ω, and a representative PHE voltage profile
of ring sensor for r = 150 μm, ω = 20 μm.

Figure 19. Experimental results of the sensitivity versus r/ω ratio of the rings using a Ta(5)/Ru(1)/NiCo(10)/
IrMn(10)Ru(1)/Ta(5) (nm) bilayer thin film and trilayer thin film Ta(3)/NiFe(10)/Cu(0.12)/IrMn(10) /Ta(3) (nm).
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Figure 18. The calculation and experimental results of PHR and AMR output voltage components versus r/ω ratio of
the ring. The insets show schematics of a ring junction with defined r and ω, and a representative PHE voltage profile
of ring sensor for r = 150 μm, ω = 20 μm.

Figure 19. Experimental results of the sensitivity versus r/ω ratio of the rings using a Ta(5)/Ru(1)/NiCo(10)/
IrMn(10)Ru(1)/Ta(5) (nm) bilayer thin film and trilayer thin film Ta(3)/NiFe(10)/Cu(0.12)/IrMn(10) /Ta(3) (nm).
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It can be summarized from the above that the systematic investigations on the ring junc‐
tions revealed that there exist both PHR and AMR voltages contribute to the output volt‐
age profile.  The PHR voltage component is always kept constant when varying the size
of  the  ring,  while  the  AMR voltage  component  linearity  increase  due  to  the  increasing
the  r/ω  ratio  of  the  ring.  For  practical  and  application  aspects,  the  ring  must  be  opti‐
mized both in terms of its size and performance. The optimized radius and the width of
the junction are 150 µm and 5 µm, respectively. By using the trilayer structure, the best
performance of the sensor is obtained. In such case, the highest sensitivity sensor is about
340 µV/Oe. This hybrid sensor is very much improved in the sensitivity compared to an
AMR or a PHR sensor.

5. Biofunctionalized magnetic bead detection for state of the art lab-on-a-
chip

Ever since the report of Baselt et al. on a magnetoresistive-based biochip with magnetic la‐
bels instead of fluorescent labels [3], the magnetic biochip has been extensively investigated
as an advanced tool for sensitive detection of low bio-target concentration in body fluids for
early diagnostics. Obviously, the focus in these investigations lies in development of a high
sensitive magnetic field sensor that is optimized for magnetic label detection, and therefore
different magnetoresistive sensing approaches, including the one that has just been descri‐
bed above i.e., hybrid AMR and PHR ring sensor, were adopted subsequently for this pur‐
pose. All these magnetic biosensors detect the stray field of magnetic particles that are
bound to biological molecules. Since the biological environment is normally non-magnetic,
the possibility of false signals being detected is negligible. In addition, the properties of
magnetic particles are also stable over time and they may also be manipulated via magnetic
forces, which can be produced by current lines that are fabricated into the chip itself. The
advantages of magnetic labeling techniques have ultimately led the researchers to intensify
their efforts in developing modern technologies for on-chip integration of micro- and nano‐
scale magnetics with molecular biology with a final goal of realizing highly sensitive, fast,
reliable, cost-effective, portable and easy-to-use biomolecular sensor, the so called magnetic
lab-on-a-chip.

5.1. Magnetic beads

Superparamagnetic nanoparticles coated with Streptavidin make ideal labels in bio-applica‐
tions using magnetic sensors, because they can be readily magnetized to large magnetic mo‐
ments. Most of our experiments were carried out with Dynabeads®M-280, which are
composed of ultra small Fe2O3 nanopaticles embedded in a polymer matrix and the Strepta‐
vidin was conjugateed with the surface of the beads. The magnetization curve of the mag‐
netic beads is shown in Fig. 20 [27, 39].
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Figure 20. Magnetization curve of Dynabeads M-280 Streptavidin. This is supported by Dynal company.

When the magnetic bead appears on the sensor surface under an external magnetic field the
magnetic field strength produced by a single bead can be estimated as [12, 14]

H =
M R 3

3r 3 (3(M̂ ⋅ r̂)r̂ −M̂ ) (10)

where M, M̂ are the magnitude and unit vector of magnetization. R is the bead radius, and r,
r̂  are the magnitude and unit vactor of the distance from the center of the bead to observa‐
tion point as shown in Fig. 21.

Figure 21. Schematic of a bead with the radius R placed above the sensor, r is the distance from the center of the
bead to the observation point, zo is the vertical distance from the center of the bead to the sensor, ρ is the distance in
the sensor plane from the center of the bead to the observation point.
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Assuming that the applied field is in x direction in a polar coordinate system then Eq. (10)
can be rewritten as:

Hx = H x̂ =
M R 3

3r 3 (3sin2θcos2φ −1) (11)

with x̂ r̂ =sinθcosφ and x̂M =1when converting from polar coordinate system to spherical
coordinate system.

Substituting sinθ =
ρ
r  and r = ρ 2 + z 2 into Eq. (11), Hx can be rewritten as

Hx =
M R 3

3
3ρ 2cos2φ − (ρ 2 + zo

2)
(ρ 2 + zo

2)5 (12)

Following the Eq. (12), stray field of magnetic bead reaches maximum when ρ = 0, in this

case (Hx)max = −
M R 3

zo
3 . This field reaches maximum at a right angle to the magnetization of

the bead (r ≡ zo in Fig. 21) and decreases at other points on the sensor plane. The effective
field of a bead influences the sensor, Hx is integrated over a general sensor area, A.

Hx =
1
A ∫HxdA (13)

If the sensor geometry is considered as a circle, the effective field of a bead can be calculated
from Eq. (13) as

Hx = −
M R 3

3zo
3

1

(1 +
ρs

2

zo
2 )

3/2 (14)

Here ρs is the radius of the circular ring sensor

And if the sensor geometry is quadrate the effective field is given by

Hx = −
M R 3

3zo
3

1

(1 +
ω 2

4zo
2 )(1 +

ω 2

2zo
2 )

1/2 (15)

here ω is the width of the cross-junction sensor
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It is revealed from Eq. (14) and Eq. (15) that the field effect to the sensor is very much de‐
pending on the size of the sensor, , it is proportional to the invert cube of radius of circular

sensor or of the width of a quadratic sensor (
1
ρ 3  or 

1
ω 3 ).

5.2. Biofunctionalization of the beads

It is known that the biotin-streptavidin is one of the strongest non-covalent biological inter‐
action systems having a dissociation constant, ‘Kd’, in the order of 4 × 10-14 M leading to the
strength and specificity of the interaction to be one of the most widely used affinity pairs in
molecular, immunological and cellular assays [40]. Usually in most assays, streptavidin is
coupled to a solid phase such as a magnetic bead, or a biosensor chip, while biotin is cou‐
pled to the biomarker of interest, often a nucleic acid or antibody. Taking advantages of
magnetic labels and specific ligand-receptor interactions of the biomolecules one can manip‐
ulate, separate and detect specific biomolecules.

Figure 22. Procedure for the immobilization of fluorescent labeled biotin on the Streptavidin coated dynabeads
measured by confocal optical microscope.

To demonstrate  the  translocation  of  streptavidin-biotin  magnetic  labels  using  the  micro
system,  we have  chosen the  commercially  available  streptavidin  coated magnetic  beads
(Dynabead® M-280) of 2.8 µm size to bind with fluorescent labelled biotin. Atto 520 is a
new label with high molecular absorption (110.000) and quantum yield (0.90) as well  as
sufficient stokes shift (excitation maximum 520 nm, emission maximum 524 nm). Due to

State of the Art in Biosensors - General Aspects226



It is revealed from Eq. (14) and Eq. (15) that the field effect to the sensor is very much de‐
pending on the size of the sensor, , it is proportional to the invert cube of radius of circular

sensor or of the width of a quadratic sensor (
1
ρ 3  or 

1
ω 3 ).

5.2. Biofunctionalization of the beads

It is known that the biotin-streptavidin is one of the strongest non-covalent biological inter‐
action systems having a dissociation constant, ‘Kd’, in the order of 4 × 10-14 M leading to the
strength and specificity of the interaction to be one of the most widely used affinity pairs in
molecular, immunological and cellular assays [40]. Usually in most assays, streptavidin is
coupled to a solid phase such as a magnetic bead, or a biosensor chip, while biotin is cou‐
pled to the biomarker of interest, often a nucleic acid or antibody. Taking advantages of
magnetic labels and specific ligand-receptor interactions of the biomolecules one can manip‐
ulate, separate and detect specific biomolecules.

Figure 22. Procedure for the immobilization of fluorescent labeled biotin on the Streptavidin coated dynabeads
measured by confocal optical microscope.

To demonstrate  the  translocation  of  streptavidin-biotin  magnetic  labels  using  the  micro
system,  we have  chosen the  commercially  available  streptavidin  coated magnetic  beads
(Dynabead® M-280) of 2.8 µm size to bind with fluorescent labelled biotin. Atto 520 is a
new label with high molecular absorption (110.000) and quantum yield (0.90) as well  as
sufficient stokes shift (excitation maximum 520 nm, emission maximum 524 nm). Due to

State of the Art in Biosensors - General Aspects226

an insignificant triplet formation rate it is well suited for single molecule detection appli‐
cations. In this experiment, Atto 520 biotin is attached on the streptavidin coated magnet‐
ic  beads and observed the fluorescence signal  through confocal  microscope.  In  order  to
attach the Atto 520 biotin on streptavidin coated magnetic labels, we have taken, 5 µl of
streptavidin coated magnetic labels (Dynabead® M-280) mixed with 0.1 M PBS buffer sol‐
ution (90 µl) with pH of 7, and 5 µl of fluorescent label biotin (chemical concentration of
fluorescent label  was 1 mg/200 µl  in EtOH) also added to the previous mixing solution
and continuously stirring the solution for  2  hours  at  room temperature for  the reaction
completion.

Fig. 22 provides the direct evidence of protein immobilization which was obtained by im‐
mobilizing green fluorescent protein (GFP) and observed the fluorescence through confocal
laser microscopy.

5.3. Sensor size and bead detection capability

For the micro-bead detection using a PHE sensor, it is noted that the magnetization of the
magnetic sphere is purely a dipole at the center of the sphere with a magnetic field at a dis‐
tance identified by the dipole field from Eq. (15). The stray field of a single bead on the sen‐
sor surface could be crudely calculated by [41]

Hbead ≈ −
χV

4πr 3 H (16)

where V is the volume of magnetic bead, χis the volume susceptibility of magnetic beads.
This stray field is in the opposite direction to the applied field, thus it reduces the effective
field on the sensor surface. Under the experiment conditions, the stray field of N beads on
the sensor surface reduced the sensor output signal as follows:

Vbead =VPHR(Heff)≈VPHR(1−NHbead)≈VPHR + ΔVbead (17)

where Heff  is the effective field on the sensor surface, S  is the sensor sensitivity of PHR
sensor. The voltage signal, ΔVbead generated by the magnetic bead themselves can be ex‐
pressed as

ΔVbead =Vbead −VPHR ≈VPHR( NχV
4πr 3 H ) (18)

By substituting the value χ =0.13 [39] and r =1.55 µm (the distance including the radius of
Dynabeads® M-280 and the thickness of passivated SiO and Ta layers) into Eq. (17), the
stray field of single bead is estimated to be Hbead ~ 0.03 H under the applied field. The num‐
ber of bead separately placed on the sensor surface can be calculated using the PHR sensor.
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Fig. 23 shows the VPHR and the Vbead in the functions of magnetic field with number of bead

N=1, 5, and 10, respectively. It is clearly shown that the beads on the sensor surface modify

the PHR signal due to the small stray field compared with applied magnetic field.

In the PHR sensor, the VPHR can be used the reference signal. The difference voltage ΔVbead

between the VPHR and Vbead can be estimated, which is shown in Fig. 24.

The pure bead signal ΔVbead is small compared with VPHR. However, the ΔVbead changes

with the applied magnetic field and show maximum and minimum values at special mag‐

netic field, which is due to the PHR sensor performance. Therefore, the bead detection capa‐

bility can be determined at the maximum and minimum ΔVbead. If we set the applied field

at the maximum or minimum value of ΔVbead, we can detect the magnetic bead with high

signal voltage.

Figure 23. VPHR without bead (black solid line) and Vbead with bead (N=1, 5 and 10) by using the F/AF bilayers in the
functions of applied magnetic field H.
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Figure 24. Calculation of ΔV bead of the PHR sensor with N=1, 5 and 10.

5.3.1. Multi-bead detection

We performed the magnetic bead detection using PHR sensor using Ta(3)/NiFe(16)/Cu(1.2)/
NiFe(2)/IrMn(10)/Ta(3) (nm) to demonstrate the feasibility of magnetic bead detection for
bio applications. The diluted 0.1 % magnetic bead solution streptavidin coated Dynabeads®

M-280 is used for bead drop and wash experiments on the sensor surface. The real-time pro‐
file measurements of the PHE voltage for magnetic bead detection are carried out in the op‐
timum conditions, that is, in an applied magnetic field of 7 Oe and with a sensing current of
1 mA. The results are illustrated in Fig. 25 for three consecutive cycles. The lower state rep‐
resents the signal change in sensor output voltage after dropping the magnetic bead solution
on the sensor surface whereas the higher state represents the sensor output voltage after
washing magnetic beads from the sensor surface. Total output signal annuls in three consec‐
utive cycles were found to be about 7.1 µV, 16 µV and 21.8µV for the first step and 11.3 µV
and 16.7 µV in the second step of the second and third cycles, respectively. It is clearly
shown from the figure that for the first cycle, the signal changed by one-step and the signal
was further changed into two steps in the second and third cycles.

This two step-type profile is due to the aggregation process of the magnetic beads on the
sensor surface. The aggregation of the magnetic beads occurs at the drying stage. That is,
after dropping the bead solution on the sensor surface, it needs some time to dry. The first
step changes of the signals are assumed to be due to the viscous flow motion for stabiliza‐
tion as well as the Brownian motion of the beads. When the solution dries, the beads rear‐
range. During this time, some beads aggregate and become clusters on the sensor surface.
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This lessens the total stray field on the sensor surface and hence, the second step in the sec‐
ond and third cycles was observed in the real-time profile.

In the process of analyzing the micro-bead detection using PHE sensor, it is noted that the
direction of magnetic field H and the stray field of magnetic bead on the sensor surface Hbead
(Eq. (16)) are oppositely aligned, and thus the effective field on the sensor surface is re‐
duced.

Thus, a rough estimate of the number of magnetic particles on the sensor surface in this
identical experiment based on the reduced stray field and sensor output signal can be ex‐
pressed from Eq. (18) by rephrasing it again here for better clarity:

ΔVbead =VPHR( NχV
4πr 3 H )

By substituting the value χ = 0.13 and r = 1.55 µm (the distance including the radius of Dyna‐
beads® M-280 and the thickness of passivated SiO2 and Ta layers) into Eq. (16), the stray field
of single bead is estimated to be 2.2×10-2 Oe under the applied field of 7 Oe. Theoretically,
with the sensor sensitivity S = 7.6 µV/Oe and the sensing current I = 1 mA, the number of
beads separately placed on the sensor surface can be calculated in the first step of the three
cycles by using Eq. (18), which are estimated to be about 4, 10 and 13 beads, respectively.

These estimated results strengthen our explanation. It is clearly shown in the first cycle, the
number of beads on the sensor surface is estimated to be small, and the distance among
beads on the sensor junction is far enough to avoid the effect from the rearrangement of
beads during the drying stage. In the second and third cycles, the number of magnetic beads

Figure 25. Real-time profile of PHR sensor under an applied magnetic field of 7 Oe with the sensing current of 1 mA
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on the sensor junction is larger; they easily aggregate to become clusters under applied mag‐
netic field due to short bead-bead distance

5.3.2. Single bead detection

We performed single magnetic bead detection experiments on several kinds of sensor struc‐
tures such as spin-valve and bilayer exchange biased thin films [27, 42 - 44], and the repre‐
sentative results are being presented here. For the purpose of performing single micro-bead
detection, the PHR sensor with the junction size of 3 µm × 3 µm was fabricated using Ta(5)/
NiFe(16)/Cu(1.2)/NiFe(2)/IrMn(15)/Ta(5) (nm). This is the optimized spin-valve thin film for
the PHR sensor in our lab. A droplet of 0.1 % dilute solution of the Dynabeads® M-280 was
introduced on the surface of the sensor. A single micro-bead was isolated and positioned on
the center of the sensor junction by using a micro magnetic needle which is known as a
tweezer method. The magnetic needle was prepared by using a soft magnetic micro wire,
the wire is magnetized by attaching a permanent magnet to one end of the wire, the single
magnetic bead is attracted with the other end due to the magnetic field of the wire and it is
dragged and positioned to the center of the sensor junction. It is noteworthy that the mag‐
netic bead is attracted by the magnetic force; this force is strong enough to compensate the
Brownian motion during the experiment. The experiment was carried out under the obser‐
vation of an optical microscope. When the solution dried, the bead was fixed on to the sen‐
sor surface.

Since the magnetic properties of the MR as well as the PHE response to the magnetic field
are described in the previous section, the results of single bead detection using 3 µm × 3 µm
PHR sensor will be discussed here.

The SEM image of a single bead on the center of the sensor junction is shown in the Fig.
26(a). The voltage profiles of the PHE sensor in the absence and presence of a single micro-
bead are presented in Fig. 26(b) by black circle and red rectangle ones, respectively. It is
shown from the figure that in the increasing region of the PHE voltage profile (in the field
ranging from 0 Oe to 10.6 Oe), the VPHE(H) is decreased when the magnetic bead exists on
the sensor surface and vice versa for the decreasing region of the PHE voltage profile (at the
fields exceeding 10.6 Oe).

For understanding the role of a single micro-bead detection using a PHE sensor, we consider
the voltage drop by stray field of a single magnetic bead. The calculation method is the same
as deduced for Eq. (18). And when considering that the magnetic bead is located on the cen‐
ter of sensor junction, the stray field affects the PHE voltage as follows:

V stray = I ×S ×(1 − k
χVbead

4πz 3 )× Happ (19)

where Vstray denotes the voltage change due to the stray field of magnetic bead, S =
∂VPHE

∂ H  is

the sensitivity of the sensor at instantaneous applied fields.
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By substituting χ = 0.13 [39] in Eq. (19) with active fraction of k = 0.62 and z = 1.55 µm (along
with 150 nm thick SiO2 passivation layer and 1.4 µm of magnetic bead radius), the PHE volt‐
age is calculated at instant applied fields for the presence of a micro-bead. The solid lines in
the Fig. 26(b) illustrate the calculated profiles for the case of absence and presence of a mi‐
cro-bead, respectively. These calculated results are in good agreement with the experimental
results.

By comparing the PHE voltage profiles in the absence and presence of a micro-bead, one can
find that (i) at low magnetic fields, the PHE voltage increases with the field increase, i.e. the
sensitivity of the sensor is positive. In this case, the presence of magnetic bead lessens its
PHE voltage as illustrated in Fig. 26(b-1). (ii) In the presence of the magnetic bead, the maxi‐
mum PHE voltage shifts to a higher field with an amount of Hbead as presented in Eq. (16); at

Figure 26. (a) The SEM image of the sensor junction in the presence of a single micro-bead, (b) the theoretical and
experimental PHE voltage profiles in the absence and presence of a micro-bead, (b-1) enlarged picture of the increas‐
ing PHE voltage region at the field range of 4.75-6.74 Oe and (b-2) enlarged picture of the PHE voltage profiles
around the maximum PHE voltages [44].
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about 10 Oe this stray field strength is approximately 0.43 Oe. (iii) At higher applied fields (>
10 Oe), the PHE voltage decreases with the field increase, i.e. the sensitivity of the sensor is
negative. In this case, the presence of magnetic bead increases the PHE voltage with an

amount of k
χV bead

4πz 3 I ⋅S ⋅ Happ. This is clearly evident in the Fig. 26(b-2) and thus the PHE sig‐
nal satisfies Eq. (19).

In particular, at low field range, a very good linear and large change of the PHE voltage al‐
ways occur, so this field range is usually chosen to demonstrate the feasibility of the digital
detection of the magnetic beads [10-14]. In our approach for this sensor, the signal change
versus the applied field is extracted from PHE voltage curves in the presence and absence of
magnetic bead, the result is drawn in Fig. 27, the maximum change of VPHE(H) about 1.14 µV
can be obtained at the applied field ~ 5.6 Oe. This calculated result satisfies Eq. (19). Further,
Fig 26(b) shows that there is a very good agreement between the single bead measurement
data and the theoretical curves. There is only a very small noise scatter of experiment data
from the fitting curve, this is the evidence showing that the fabricated PHE sensor has high

Figure 27. Voltage change of the PHR sensor versus applied field when a single magnetic bead appear on the sensor
surface.
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SNR. Therefore, the PHE sensor has advantages for more accurate detection of the small
stray fields of magnetic beads.

This  simple calculation is  suitable  for  the effect  of  a  single  bead on the center  of  small
size sensor junction. When the area of the sensor junction is larger than the area of mag‐
netic beads, the calculation must be considered the effect of the magnetic bead from dif‐
ferent  positions  of  sensor  junction  and  the  contribution  of  nearby  beads  or  chains  of
beads on the sensor.  In such a case the output signal changes negative for the bead in‐
side  of  the  sensor  junction  and  changes  positive  for  the  beads  outside  of  the  junction.
Moreover, the signal change does not depend on the number of magnetic beads propor‐
tionally.  This  was  studied systematically  and was  reported by  P.P.  Freitas  et  al.,[23],  L.
Ejsing et al., [9] and Damsgaard et al., [45].

5.4. Integration of magnetic sensors/microfluidic channels

In this part, we design and optimize the planar Hall ring sensor for detecting the hydro‐
dynamic magnetic labels. Once the magnetic labels appear on one arm of the ring sensor,
the  resistance  of  the  sensor  will  be  changed,  the  role  of  resistance  change  obey  the
Wheatstone bridge circuit geometry hence the sensor is very sensitive to detect the mag‐
netic labels.

Planar Hall ring sensor was fabricated by photolithography technique. Sensor material
Ta(3)/NiFe(10)/IrMn(10)/Ta(3) (nm) was fabricated by using a DC sputtering system with
the based pressure of 7×10-8 Torr. The field sensitivity of the ring sensor based on the bilayer
thin film was found to be about 0.3 mV.Oe-1. The sensor was integrated with a microfluidic
channel, which can produce the laminar flow of the magnetic labels (beads and/or tags) in
the specific arms of the ring sensor by hydrodynamic flow focusing technique. This magnet‐
ic platform can detect even a single magnetic bead of 2.8 µm motion in real time by the
measurement system with a sampling rate of 5 kHz.

The schematic representing the integrated magnetic platform is shown in Fig. 28. In magnetic
bead separation experiments initially the magnetic beads with different sizes are injected into
the main stream of the microfluidic channel with certain fluidic flow rate. Then the beads are
gathered at the weir in the fluid channel and then sorted according to the attractive force exert‐
ed on the magnetic bead by the magnetic elements/magnetic pathways. Therefore, the labeled
magnetic beads of same kind will attract to one of the magnetic pathways in the sub channel.
The weir at the entrance of the sub-channels opposes the beads temporarily for magnetic beads
whose magnetization is insufficient to be attracted by the magnetic elements. But, the beads
whose magnetization is sufficient to be attracted by the poles of the saturated ellipses due to the
external rotating magnetic field can overcome the weir.

After successful separation of the magnetic beads of different sizes we wish to adopt two
types of different sensing techniques such as an array of PHR biosensors and multi-seg‐
mented nanowires. The planar array of PHR sensor can detect magnetic beads with micron
size only. But in case of nanometer size magnetic beads, we wish to use simple read out
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technique of multi-segmented nanowires. We are also planning to combine magnetic path‐
way method with the microwire and coil method.

Figure 28. Schematic represents the magnetic platform integrating an array of planar Hall ring sensors and a micro‐
fluidic channel.

6. Conclusions

The underlying principle for magnetic biosensing has been elaborately described at first
with the examples of different magnetoresistive sensing techniques. Then, the planar Hall
resistance sensor has been shown as one of the best sensors for conducting magnetic bead
detection experiments. While making an in depth study on the capabilities of a PHR sensor
in different configurations and geometries, the sequence of narration ultimately has lead to‐
wards describing the evolution of hybrid AMR and PHR ring sensor in spin-valve configu‐
ration with optimized performance for precise detection of even single magnetic bead.
Biofunctionalization experiments were also conducted to ensure that our PHR sensor is ca‐
pable of biomolecule recognition. Therefore, our present sensor can be used to promote for
the biomolecular recognition and other molecular interaction detection. This novel planar
Hall effect based sensor has been further demonstrated that it can be easily integrated into a
lab-on-a-chip and is feasible for bead detection in the sensing current generated magnetic
field (without the external applied magnetic field) so as to ensure it an efficient tool for high
sensitive biomolecules recognition.
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Chapter 10

Bioelectronics for Amperometric Biosensors

Jaime Punter Villagrasa,
Jordi Colomer-Farrarons and Pere Ll. Miribel

Additional information is available at the end of the chapter

http://dx.doi.org/10.5772/52248

1. Introduction

The Discrete-to-Integrated Electronics group (D2In), at the University of Barcelona, in
partnership with the Bioelectronics and Nanobioengineering Group (SICBIO), is researching
Smart Self-Powered Bio-Electronic Systems. Our interest is focused on the development of
custom built electronic solutions for bio-electronics applications, from discrete devices to
Application-specific integrated circuit (ASIC) solutions.

The integration of medical and electronic technologies allows the development of biomedical
devices able to diagnose and/or treat pathologies by detecting and/or monitoring pathogens,
multiple ions, PH changes, and so on. Currently this integration enables advances in various
areas such as microelectronics, microfluidics, microsensors and bio-compatible materials
which open the door to developing human body Lab-on-a-Chip implantable devices, Point-
of-Care in vitro devices, etc.

In this chapter the main attention is focused on the design of instrumentation related to
amperometrics biosensor: biopotentiostat amplifiers and lock-in amplifiers. A potentiostat is
a useful tool in many fields of investigation and industry performing electrochemical trials [1],
so the quantity and variety of them is very extensive. Since they can be used in studies and
targets as different as the study of chemical metal conversions [2] or carcinogenic cells
detection, neuronal activity detection or Deoxyribonucleic acid (DNA) recognition, their
characteristics are very varied.

For chemical measurement systems in biological applications, potentiostat amplifiers [3] are
the electronic interface to a large category of amperometric chemical sensors which are capable
of managing many biologically and environmentally important analyses. This characteristic
gives us the possibility of building an extremely versatile tool with other interesting specs:
portability, accuracy and reliability.

© 2013 Villagrasa 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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Demand for increased functionality, smaller systems, with smaller electrodes, for ultra-low
current detection and versatility will force potentiostat amplifiers to be designed on a system-
on-chip (SoC), combining single to multi-sensor measurements, to be implemented in ad‐
vanced Complementary metal–oxide–semiconductor (CMOS) processes. The scaled supply
voltages in these processes [4-8], however, seriously limit the chemical analysis range.

Interesting approaches have been designed in terms of the instrumentation [9-13], attempting
to work with low-voltages and low-currents, these electronics are integrated with autonomous
powering. In [10] the authors propose an interesting low-power concept of a two-electrodes
approach with the capability to measure from 1pA to 200nA with a simple Analog-to-Digital
(ADC) approach, but operating at 5V. [11] presents a nice approach based on a Sigma-Delta
modulator with the capability to check currents with a sensitivity of 50fA with a power
dissipation of 12 µW, operating at 3.3V in this case, but with all the processing electronics being
external to the prototype. In [12] a Complementary metal–oxide–semiconductor (CMOS)
approach is presented for electrochemical arrays, operating with a bias of 5V, where the array
(5X5) is placed in the same substrate with the amperometric detector. The design works in an
unipolar fashion detecting pA, with a maximum operating frequency @ 2kHz. Good approach
is also presented in [13] where a current-mirror circuit is implemented for three-electrode
amperometric electrochemical sensors. There the system has an accuracy of 1%, with a range
of currents of 1nA to1µA, operating at 1.8V with a power consumption of70µW. [14] present
a 5V, 0.6mA amperometric electrochemical microsystem array (4X4), with a range between
6pA to10µA, where full electronics and array are placed on-chip, also working with an unipolar
approach, with a chip size of 2.3X2.2 mm, with the electrode array implemented with electro‐
des of 2mm of diameter. Also in [15] a similar approach is derived, with an array of 8X8, with
circular electrodes of 6µm, and a second implementation with the array implemented in-chip
with the electronics. First Cyclic voltammetry (CV) approaches are presented with a typical
range between 0.1V to 0.8V, detection currents from-1.5µA to 1.5µA.

Latest advances have been reported in [16] and in [17]. In [16], the novelty resides in the
technological approach for the electronics design. Generally, all the implementations are based
on silicon electronics, looking for a cheapest massive production and good properties. In this
case Poly-Si Thin-Film transistors are used, ideal for their flexibility. In this particular work
the system it is just conceived for a single three-based electrode for a cyclic voltammetry to
detect diabetes. Electronic performances are not significantly inferior to those based on a
CMOS solution. The system operates at 1.2V, working between 0.111V to 0.679V, but not
reference is addressed to the power consumption and current range. The last example [17] is
quite interesting and a great approach to our concept, but also is an excellent example of the
challenge of the present proposal. This system has the capability to define different stimulus
for the amperometric and electrochemical measurement. It provides linear sweep, constant
potential, cyclic and pulse voltammetry, with enough smart facilities, but the system presents
a fixed clock and a maximum power dissipation of 22.5mW, for an array of just 2X2 electrodes.
The budget of 22.5mW is a lot of power for the present concept. As a readout circuit, it has
good performances, between±47µA, with a linear resolution of 0.5pA.
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In terms of the Lock-In Amplifiers, the measurement must be processed in order to extract the
impedance variation of the cell. In an electrochemical cell, electrode kinetics, redox reactions,
diffusion phenomena and molecular interactions at the electrode surface can be considered
analogous to the above components that impede the flow of electrons in an ac circuit. The
simplest electrical modelization is based on an equivalent RC circuit, also called a Randles
circuit.

In order to proceed with the signal processing there are two main approaches: a) the Fast
Fourier Transform (FFT) [18], and b) the Frequency Response Analyzer (FRA) [19]. In the case
of the FFT, a pulse, or a step, -the approach to be followed is the ideal Dirac function-, is applied
to the sample because it contains a wide frequency content. Then, the response of the sample
is digitized and processed in a digital processor, for instance a DSP (Digital Signal Processor),
and using the FFT algorithm, the different frequency components are obtained for their
analysis. Another possibility is the logarithmic sampling in the DFFT calculus, reducing the
data required in the process.

A simpler solution is based on the FRA approach. In this case a sine and cosine signals are
adopted and using two multipliers and a filter stage the real and imaginary components of the
response are obtained. This measurement must be done for each frequency. Working with just
one sensor and in terms of the size of the final product, the FFT option could be adopted,
because the response for several frequencies is obtained. The FRA solution is a solution more
oriented to multi-sensor approaches but also in the case of single sensors it is also a good option,
in terms of the trade-off between complexity and speed, if not too low frequencies are to be
measured. This lock-in approach is more feasible.

The perturbation signal provided by the instrumentation system – following the FRA approach
– generally uses a sinus wave as the input voltage.

The chapter would present the state-of-the art in the conception of the involved electronics for
the potentiostat amplifier instrumentation and EIS approaches, analogue and digital.

2. Amperometric biosensors

Nowadays  advances  in  different  multidisciplinary  areas  like  microelectronics,  microflui‐
dics,  microsensors  and bio-compatible  materials  open the  door  to  developing advanced
biomedical  solutions  for  health  care,  such as  Point-of-care  devices,  combining Lab-on-a-
Chip solutions with suitable electronics for measurement, processing and remote teleme‐
try communication [20-22].

In particular, integration of medical and electronic technologies allows biomedical devices
solutions capable of diagnosing and/or treating pathologies by detecting and/or monitor‐
ing pathogens.  There are different approaches for amperometric biosensors instrumenta‐
tion,  based  on  a  potentiostat  amplifier  with  several  different  amperometric  readout
configurations [13,23,24].
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The interest in electrochemical sensors, and in particular amperometric biosensors, started
when changes in the dielectric properties of an electrode surface were detected by potentio‐
static methods [1,25,26]. These biosensors are capable of detecting antigens, antibodies,
proteins, DNA fragments, PH changes, heavy metal ions, and so on [27-31].

There are different solutions for the electrochemical-based instrumentation that vary from
discrete to mixed and full custom-ASICs approaches. The sensor size and the system com‐
plexity define the final adopted solution. Electronic designs based on low-cost on the shelf
surface mount components can be adopted for electrodes areas greater than 1 mm2. Full custom
ASIC solutions are valid approaches [8,30,31] for smaller and multiplexed sensors. Moreover,
these ASIC solutions are indicated if very low current levels are derived from the sensors.
Other key indicators for an ASIC solution near the electrodes are not only the degree of
miniaturization, but also the fact that EMI (Electromagnetic Interference), can be reduced, and
external disturbances such as vibrations, moisture, sources of electrical noise, etc. are avoided.

The development of multisensory arrays of biosensors, working with low concentration levels
and the capability of a multi-bio-analysis in blood (searching for a multi-pathogen detection),
is a topic of great importance in the contemporary situation [32,33].

2.1. Electrochemistry and reactions on the electrode

Electrochemical biosensors are the largest group of chemical sensors. These biosensors are
normally based on enzymatic catalysis of a reaction that produces or consumes electrons (such
enzymes are correctly called redox enzymes). Electrochemical sensors allow three main
configurations: voltammetric, potentiometric and conductometric measurements [3]. In the
present chapter special interest is focused on the voltammetric sensors. Voltammetric biosen‐
sors are those based on the measurement of the current-voltage variations. Amperometric
biosensors are a particular case, where determined electrical currents are associated with a
redox process where a fixed voltage in the sensor is applied. Some associated current, called
faradaic current, is exclusively generated by the reduction or oxidation of some chemical
substance at an electrode [34].

Under equilibrium, and in the absence of an externally applied voltage, a polarizable electrode
resting in solution will develop a potential based on the ratio of the solution’s chemical species
[1]. When voltage is applied to the electrode the system is forced out of equilibrium and results
in a reduction/oxidation (redox) reaction:

O + ne- < = > R (1)

where O is  the oxidized form of the species,  n is  the number of  electrons per molecule
oxidized or reduced, e- is an electron, and R is the reduced form of the species. This results
in a  faradic  current  at  the electrode surface for  reversible  systems also called Nernstian
systems [1].

State of the Art in Biosensors - General Aspects244



The interest in electrochemical sensors, and in particular amperometric biosensors, started
when changes in the dielectric properties of an electrode surface were detected by potentio‐
static methods [1,25,26]. These biosensors are capable of detecting antigens, antibodies,
proteins, DNA fragments, PH changes, heavy metal ions, and so on [27-31].

There are different solutions for the electrochemical-based instrumentation that vary from
discrete to mixed and full custom-ASICs approaches. The sensor size and the system com‐
plexity define the final adopted solution. Electronic designs based on low-cost on the shelf
surface mount components can be adopted for electrodes areas greater than 1 mm2. Full custom
ASIC solutions are valid approaches [8,30,31] for smaller and multiplexed sensors. Moreover,
these ASIC solutions are indicated if very low current levels are derived from the sensors.
Other key indicators for an ASIC solution near the electrodes are not only the degree of
miniaturization, but also the fact that EMI (Electromagnetic Interference), can be reduced, and
external disturbances such as vibrations, moisture, sources of electrical noise, etc. are avoided.

The development of multisensory arrays of biosensors, working with low concentration levels
and the capability of a multi-bio-analysis in blood (searching for a multi-pathogen detection),
is a topic of great importance in the contemporary situation [32,33].

2.1. Electrochemistry and reactions on the electrode

Electrochemical biosensors are the largest group of chemical sensors. These biosensors are
normally based on enzymatic catalysis of a reaction that produces or consumes electrons (such
enzymes are correctly called redox enzymes). Electrochemical sensors allow three main
configurations: voltammetric, potentiometric and conductometric measurements [3]. In the
present chapter special interest is focused on the voltammetric sensors. Voltammetric biosen‐
sors are those based on the measurement of the current-voltage variations. Amperometric
biosensors are a particular case, where determined electrical currents are associated with a
redox process where a fixed voltage in the sensor is applied. Some associated current, called
faradaic current, is exclusively generated by the reduction or oxidation of some chemical
substance at an electrode [34].

Under equilibrium, and in the absence of an externally applied voltage, a polarizable electrode
resting in solution will develop a potential based on the ratio of the solution’s chemical species
[1]. When voltage is applied to the electrode the system is forced out of equilibrium and results
in a reduction/oxidation (redox) reaction:

O + ne- < = > R (1)

where O is  the oxidized form of the species,  n is  the number of  electrons per molecule
oxidized or reduced, e- is an electron, and R is the reduced form of the species. This results
in a  faradic  current  at  the electrode surface for  reversible  systems also called Nernstian
systems [1].

State of the Art in Biosensors - General Aspects244

2.2. Electrochemical cell

Typical amperometric sensors configuration is based on two or three electrodes cell topology.
A typical two electrodes topology is defined by the working electrode, where the electro‐
chemical reaction takes place and the reference electrode, in addition to the auxiliar electrode
which tracks the solution potential and supplies the current required for the reaction. This
topology brings some kind of problematic behavior by the auxiliar electrode polarization
effects. While the auxiliar electrode is assumed to have a fixed well-known potential some
charges are accumulated on the electrode, due to the current supply, making this assumption
erroneous. In order to avoid this effect, we need to supply the current using an extra electrode.
The three electrodes configuration, which is defined as follows: a) the working electrode (WE),
surface where the electrochemical reaction takes place; b) the reference electrode (RE), which
tracks the potential solution and c) the counter or auxiliar electrode (CE), which supplies the
current required for the electrochemical reaction at WE, is then of special interest.

Figure 1. Three electrodes sensor topology.

VWE - V RE  =VCELL (2)

We must consider the potential solution VCELL voltage to be constant, so in order to keep this
condition current through the RE electrode should ideally be zero, avoiding any electrode
polarization effect. The current supply is provided by CE, avoiding this undesirable effect.

So, considering the three electrodes topology, once any polarization effect has been avoided,
one of the key points to be studied is the theoretical model in terms of the electronic behavior
of the electrochemical cell.

An electrochemical sensor must be considered, in an electrical model, as an impedance [28,35],
taking as a basic sensor element the presence of a capacitor, used to describe the interface
between the electrode and their surrounding electrolyte. This capacitance is based on the
electrical double-layer theory [36], so electrodes immersed in an electrolyte solution, can be
described as a capacitor storing charge (ions from a solution absorbed on the electrode
surfaces).

We must consider this interface model as an electronic representation in terms of electronic
passive elements, and it can be very complex. The simplest case uses an equivalent circuit, also
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called a Randles circuit [1], depicted in Figure 2, which is formed by the double-layer capacitor
(Cref), in parallel with a polarization resistor (Rref), which is also described as a charge transfer
resistor, and the solution resistor (Raux). This is the electrical model that can be adopted for a
mathematical description. Such description is very useful to create an electrical model for the
electrochemical cell theoretical impedance analysis, being easy to reproduce in different
electronic software emulators or prototype testing, capable of representing the electrochemical
cell by means of passive elements like resistors and capacitors. This model can evolve into a
more complex one, bringing us the possibility of an easier sensor functionalization, instru‐
mentation design and prototype developing and testing [37].

The impedance measured in the cell is defined by (3), being ZCELL the relation VCELL(t)/ICELL(t).

Zref -work ( jω)=ZCELL ( jω)=
Rref

1 + jωRref Cref
(3)

One of the most interesting features that can be easily achieved with a three electrodes topology
is the possibility of developing a multi-bio-analysis system by means of different electrode
arrays. These arrays can be used as a multi-purpose system becoming an extremely versatile
tool making it feasible to perform at the same time different electrochemical experiences with
different biochemical species, average measurements through time or area, etc. [8,38,39].

Figure 2. Randles Model for electrochemical cells.

3. Electronics for amperometric biosensors

3.1. The potentiostat amplifier

A potentiostat amplifier is a useful tool in many fields of investigation and industry performing
electrochemical measurements [1], so the quantity and variety of them are very extensive,
having different characteristics. In this section, we will focus our attention on the development
of an analogue potentiostat amplifier approach.

Two different approaches can be followed in the design and implementation of a potentiostat
amplifier: a discrete or integrated solution. In order to design a portable system for standard
electrochemical assays, a discrete implementation is an extremely good solution in terms of
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portability, accuracy and economy being a standard on electrochemical experiments. But
demand for increased functionality, reduced system size, reduced size of the electrodes,
defining complex arrays of sensors, ultra-low current detection and versatility, are introducing
a major interest in system-on-chip (SoC) solutions, to be implemented in advanced CMOS
processes. The scaled supply voltages in these processes [4-8], however, seriously limit the
chemical analysis range.

Driving voltages of amperometric chemical sensors do not scale with electrode size, but are
instead defined by the reduction/oxidation (redox) potentials of the analyses being investi‐
gated, as stated in [40] many analysis are undetectable using standard potentiostats in a 0.18µm
CMOS process due to its maximum supply voltage of 1.8V.

The main tasks of these kind of structures (Figure 3.) are the measurement and recognition of
some kind of particles in a media (or the media itself), through the application of an electric
signal and the readout and conditioning of an output signal.

Figure 3. Potentiostat general scheme.

The main functionalities envisaged for a potentiostat amplifier are: a) driving the sensor
electrodes with the desired signal VCELL, ensuring that this voltage remains invariable and
supplies the current necessary for the electrochemical reaction, potential control module on
Figure 3. (section 3.1.1), and b) be able to extract an output signal which is the measuring of
the current flowing through the electrochemical cell, current measurement module on Figure
3. (section 3.1.2). Driving the electrochemical cell depends on whether the configuration is
based on two or three-electrodes, as stated above. Different approaches are conceived to fulfill
this last objective.
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3.1.1. Potential control configurations

As has been stated before, one of the main tasks of a potentiostat is the control of voltage
difference between working and reference electrodes of the electrochemical cell and supplying
the required current from or into the electrochemical cell through the counter electrode.

This task can be realized with two different circuit configurations, grounded working electrode
and grounded counter electrode, the first being the most popular configuration depicted in
Figure 4 which illustrates the basic implementation of this configuration. As shown, the
working electrode is kept at the ground potential and an operational amplifier, called the
driving amplifier, controls the cell current ICELL, so the cell potential VCELL is at the desired
potential VIN.

The system operation is very simple, but, like other electronic instrumentation circuits, we get
potentiostat functionality limitations due to its own driving amplifier limitations. Since current
flow in the reference electrode changes the potential of the reference electrode due to polari‐
zation effects (see section 2.2), driving amplifier input bias current should be small and input
resistance should be very large. Depending on the target, you must consider several limitations
on the driving amplifier parameters. Voltage gain and input offset voltage of the driving
amplifier define the accuracy and linearity of the potential control. Other important parameters
to be considered are the output voltage swing, input referred noise, bandwidth and slew rate,
considering the stability as a sensitive issue due to the fact that the electrochemical cell is the
load and feedback network of the amplifier.

Figure 4. Potential control. General scheme.

In section 2.2. a typical electrochemical cell model has been depicted, where frequency
dependent impedances like capacitors are present, the frequency and transient simulations of
these impedances being quite complex to study. For this reason, it is necessary that the
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potentiostat provides stability over wide operation ranges, being able to carry out diverse
electrochemical experiences for different biochemical species.

Figure 5. Using voltage buffers to isolate driving amplifier and reference electrode.

3.1.2. Current readout configurations

Some circuits used to fix the electrochemical cell’s driving signal have been reported. The next
stage concerns circuits related to the flowing current readout. Different approaches can be
adopted and are presented in this section.

3.1.2.1. Transimpedance amplifier stage

In the present configuration the measurement is based on the direct conversion of the current
generated in the electrochemical cell into a voltage signal using a transimpedance configura‐
tion, depicted in Figure 6 dotted rectangle.

In order to read the faradic current generated by the reaction ICELL, a transimpedance ance stage
amplifier (TIA), converts it to a voltage signal by means of a single resistor, as is indicated in
(4), so the output signal Vout,TR is equivalent to the faradic current through working electrode.

Vout ,TR = - ICELL · RTIA (4)

The system operation it is simple, but, as is stated in the previous section, we get functionality
limitations due to transimpedance amplifier limitations. VIN voltage will be tracked to the
electrodes if WE electrode is ground referenced, assuming operational amplifier virtual
ground. In that case, input offset voltage and input referred noise must be considered in order
to provide a steady virtual ground. Since generated current must flow through trans-impe‐
dance amplifier resistor RTIA, trans-impedance amplifier TIA input bias current should be small
and input impedance should be very large in order to minimize any current losses through
this stage.
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Figure 6. Basic grounded working electrode driving control configuration with a transimpedance amplifier readout
stage.

As is shown on the operational amplifier equivalent circuit in Figure 7, the input impedance
is the equivalent impedance between the positive and negative inputs. This impedance is
linked to some leakage currents (Ioffset), which could cause problems both in ICELL current
readout and VCELL tracking, especially when extremely low faradic currents are generated on
the reaction in which case a very high transimpedance resistor is required. This error in both
cases can be minimized by reducing amplifier offset and bias current by means of very high
input impedance.

Figure 7. Operational amplifier in transimpedance configuration. General Scheme.

Other parameters to be considered are the amplifier’s flicker and thermal noise or inherent
current and voltage offset. Flicker and thermal noise are inherent to electronics and are
characterized as an output voltage (Vnoise) (5) or as an input current (6) defining the transi‐
mpedance amplifier stage resolution, establishing a minimum signal to noise ratio, SNR (7).

VOUT =Vout ,TR + Vnoise (5)
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Inoise =
V noise

RTIA
(6)

SNR =
ICELL

Inoise
(7)

There are different solutions to maximize resolution of the measurement, increasing the SNR
(Signal-to-noise ratio), and sensitivity, reducing thermal and flicker noise. For instance, one of
the best solutions is based on chopper modulation, which implies more complexity on the
design. A simplest solution is to just place a bandwidth filter. The capacitor on transimpedance
amplifier feedback loop should remove the inherent 50 Hz network or any other frequency
noise and harmonics but does not permit to avoid flicker noise problems. Figure 8. Depending
on the application, if the system is required to work in a limited range of frequencies, like
amperometric and voltametric experiences where you apply DC signals, or potential sweeps
with an scan-rate of less than 1000 mV/s [1], it is useful to filter low frequencies to remove
network powering noise, typically 50Hz and harmonics, and reduce thermal and flicker
spectra to improve the SNR.

Figure 8. Transimpedance amplifier stage. Low-pass noise reduction capacitor configuration.

3.1.2.2. Instrumentation amplifier stage

This kind of current measurement topology consists in the direct conversion of the current in
to a voltage signal by means of a resistor on the counter electrode, and an instrumentation
amplifier that measures the voltage difference in the resistance, Figure 9.

We assume that the current through resistor R, is equal to the faradic current developed by
the electrochemical reaction (ICELL), and it is considered that voltage between reference and
working electrode (VCELL) is more steady than in the transimpedance amplifier stage due to
the direct connection of working electrode to ground.
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Figure 9. Basic grounded working electrode driving control configuration with a instrumentation amplifier readout
stage.

An instrumentation amplifier transfer function is theoretically described by this equation:

VOUT = A · (V + - V -) (8)

Where A is the amplifier’s gain and (V+ - V-) is the voltage difference on the amplifier’s positive
and negative, so we can determine that if the voltage (V+ - V-) is (9) the output signal is
equivalent to the faradaic current through working electrode (10).

(V + - V -) = ICELL · R (9)

VOUT = A · ICELL · R (10)

There are some parameters to be considered as a source of noise errors:

Input impedance.

Offset current, bias current.

Amplifiers are a source of noise and non-idealities that are critical, mainly if very low current
resolution, such as nanoamperes or picoamperes is desirable. It will be assumed that all the
amplifiers have an input bias current that interferes with the current readout system. In order
to minimize these effects we need to use an amplifier with very high input impedance, as is
depicted in the previous section. There are other parameters to be considered, such as resistor
tolerance and resistor thermal noise. This stage is very dependent on resistors, the conversion
of the flowing current to a measurable output voltage it depends on the stability of three
different resistors. There is a very high probability of getting an error source, making impos‐
sible to get a very precise measurement, if the system depends on the tolerance and thermal
noise of three different resistors, but it’s possible to minimize output voltage dependence of
this large number of resistors (Figure 10.).
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noise of three different resistors, but it’s possible to minimize output voltage dependence of
this large number of resistors (Figure 10.).
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Figure 10. Modified instrumentation amplifier.

The modified instrumentation amplifier transfer function is theoretically described by the
following equations:

(V A - V -)
R1 =

(V - - V +)
Rg =

(V + - V B)
R1 (11)

(V B - V C )
R2 =

(V C - V OUT )
R3 (12)

(V A - V C )
R2 =

(V C - V D)
R3 (13)

Combining these three equations and considering that R3 = R2

VOUT = IOUT · ROUT (14)

(V OUT - V D)= (V A - V B)= (V + - V -)(1 + 2R1
Rg )= IOUT · Rref (15)

And if we consider

Rref = ROUT (1 + 2R1
Rg ) (16)

IOUT =
(V + - V -)

ROUT
(17)

We found that the output current signal is the same current as through electrodes and the
evaluation only depends on the value of one resistor.

Regarding other error sources, the fact that there are no active components in the flowing
current path, and being both flowing current and measured voltage referenced directly to
ground, gives the system better stability than in the transimpedance amplifier stage.
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3.1.2.3. Switching capacitors solution

Another feasible solution to current readout is the switching capacitors transimpedance stage
avoiding the use of resistors. This topology needs a clock control signal, but, assuming the
possibility of using a microcontroller for a later signal processing or data transmission this
should not be a problem. The basic circuit approach is depicted in Figure 11.

Figure 11. Switching capacitors transimpedance stage.

This stage has a very simple operation system, on the first clock semi cycle the switch is closed
and electrochemical cell current, ICELL, charges capacitor CS to a concrete output voltage VOUT

as depicted in equation 18, where TCLK is the clock period.

VOUT =
ICELL T CLK

2CS
(18)

On the second clock semi cycle the switch is opened, and VOUT is directly connected to ground
and the capacitor is discharged. Depending on the measurement range, the capacitor or the
clock cycle can be modified to a larger or smaller value, giving the possibility of a more versatile
stage.

The system operation it is simple, but, as stated in the previous section, we get functionality
limitations due to transimpedance amplifier limitations. First of all the WE electrode is ground
referenced through amplifier virtual ground. In that case, input offset voltage and input
referred noise must be considered in order to provide a steady virtual ground. Since generated
current must flow through transimpedance stage, TIA amplifier input bias current should be
small and input impedance should be very large in order to minimize any current losses
through the stage.

Another important consideration is that the capacitance of the flowing current source, that is
the electrochemical cell, must be of a few orders of magnitude higher than the capacitor CS. If
not, the errors due to charge injection will be larger than desirable for any designed application.

This kind of topology is widely used in CMOS processes and microelectronics development
due to the difficulty of realizing large resistors at small scales. The fact of using small capaci‐
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tance values provides the possibility of developing multichannel sensor arrays [11,38,41] on
ASIC structures, due to the high degree of integration of small size capacitors.

A more complex development of the switching capacitors technique makes it possible to
perform direct A/D conversion by converting the current to variables such as frequency [9,42]
or direct current input sigma-delta converter [11,43,44].

3.2. Electrochemical impedance spectroscopy

In section 2.2 the electrochemical cell and its theoretical electrical approximation by circuit
modeling was introduced. But this model or other more complex one [45] are just approxima‐
tions to the reality. A direct measurement of the impedance in a range of frequencies, usually
from 1mHz to 1MHz [46], is fitted afterwards to an electrical model, with different elements,
that are used to fit the data. In this section the electronics are presented along with the different
approaches to extract such measurement, which is defined as Electrochemical Impedance
Spectroscopy (EIS).

Current research in biosensor technology has been developed toward better transducers that
demonstrate superior sensitivity, portability, accuracy and throughput; where the most
promising solution to check the sensor’s measurements is based on the use of the EIS technique
- the response of an electrochemical cell to small amplitude sinusoidal voltage signal as a
function of frequency.

EIS is a more effective method to probe the interfacial properties of the modified electrode,
through measuring the change of electron transfer resistance at the electrode surface, caused
by the adsorption and desorption of bio-chemical molecules and the antibody-antigen (Ab-
Ag) interactions. The measured signal, in this case the signal generated (voltage or current
signal) in the experiment, differs in time (phase shift) with respect to the perturbing (voltage
or current) wave, and the ratio VCELL(t)/ICELL(t) is defined as the impedance (ZCELL), and accounts
for the combined opposition of all the components within the electrochemical cell to the flow
of electrons. In this section we will talk about the lock-in amplifier necessary to detect the
impedance value of an experience based on an EIS technique.

Measurement of biochemical concentrations is essential for disease diagnose and biological
systems characterization. The key electronic component for these measurements, as it is stated
before, is the potentiostat amplifier to bias the sensor and read the current produced by the
experiment. It is the interface between the biological elements and the lock-in amplifier, which
generates the real and imaginary components for the EIS solution rejecting undesirable
harmonics and noise interferences [47,48,49,50] even in the presence of high noise level. The
block diagram of the whole system is depicted in Figure 12, where a general schematic view
of a lock-in amplifier is shown.
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Figure 12. Block diagram view of a complete system of Potentiostat, Biosensor and Lock-in. Schematic view af a Lock-
In amplifier.

The basic operation of the Lock-in Amplifier is very simple. Vout,POT represents the potentiostat

amplifier output signal, so

Vout,POT = ICELL · R (19)

where R is the relation in ohms between the current on the cell and the output potentiostat

signal (like RTIA on transimpedance amplifier based potentiostats). Considering the Vout,POT

function as a frequency dependant, we get:

Vout,POT(t)=VOUTsin (2πft + ϕOUT)=

=VOUT sin (2πft)cos(ϕOUT) + cos (2πft)sin(ϕOUT) (20)

So, our functions Vreal and Vim are represented by the following equations.

Vreal=Vout,POT · VINsin (2πft)=

=  VOUT · VIN · (sin2 (2πft)cos(ϕOUT) +  1
2 sin(2πft)cos(2πft)sin(ϕOUT) (21)

Vim=Vout,POT · VINcos (2πft)=

=  VOUT · VIN · (cos2 (2πft)sin(ϕOUT) +  1
2 sin(2πft)cos(2πft)cos(ϕOUT) (22)

Vreal=  1
2 VOUT · VIN · cos(ϕOUT) - cos(4πft)cos(ϕOUT) + sin (4πft)sin(ϕOUT) (23)
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Vim= 1
2 VOUT · VIN · cos(ϕOUT) + cos(4πft)sin(ϕOUT) + sin (4πft)cos(ϕOUT) (24)

Taking into account only the DC component,

Vreal=  1
2 VOUT · VIN · cos(ϕOUT) (25)

Vim= 1
2 VOUT · VIN · sin(ϕOUT) (26)

The magnitude and phase of Vout,POT are

|Vout,POT|= 2
VIN

Vreal
2 + Vim

2;  ΦVout,POT =arctg( Vim

Vreal
) (27)

Being the magnitude and phase of impedance ZCELL:

|ZCELL|=
VIN · VCELL · R

2 Vreal
2 + Vim

2
;ΦZCELL =arctg( Vim

Vreal
); (28)

3.2.1. The analogue approach

In the previous section have the idea of a whole system based on a potentiostat and a lock-in

amplifier as a complete solution for an electrochemical impedance spectroscopy experiment

was introduced. In this section, it is presented the configuration of a lock-in amplifier that

generates the real and imaginary components of the impedance (ZCELL) based on an analog

instrumentation implementation is presented.

The lock-in amplifier architecture based on an analogue approach [48,49,50], consists in

different modules, which are two Synchronous Demodulated Channels which generates DC

voltage signals which are proportional to the real (Vreal) and imaginary (Vim) components of

the input signal (potentiostat measurement). The circuit schematic, with the demodulator and

the low pass filter, is depicted in Figure 13, where Vout,POT represents the potentiostat amplifier

output signal (equation 19).

The lock-in amplifier provides real and imaginary components through the DC values Vreal

and Vim, respectively, after filtering the rectified signals from the demodulator stage, getting

a complete characterization of potentiostat output signal and an accurate estimation of ZCELL

(electrochemical reaction characteristics).
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Figure 13. Full schematic view of the implemented lock-in module [58].

Special attention is given to the reference signal used by the demodulator channels which is
multiplied by the signal to be measured. The reference (VREF) signal is an ac voltage, of the
same frequency of the input signal, which can be either generated by an oscillator, locked to
the input signal by a phase locked loop or mainly using the same polarization signal of the
previous stages (VIN). A phase shifter allows the reference signal to be trimmed at the following
phases: phase ReClk1 = 0º, phase ReClk2 = 180º, phase ImClk1 = 90º, phase ImClk1 = 270º. The
clock signals generator is depicted on Figure 14.

Figure 14. Clock generation module [58].

Clock signals are generated by two hysteretic comparators, one for the 0º phase clock and
the other one for 90º phase clock signals, previously generated by an integrator. It’s desirable
that the different four clock signals be generated with a dead time, DT in Figure 15., between
them for each channel, ReClk1 and ReClk2 for VREAL channel and ImClk1 and ImClk2 for
VIM channel. The dead time must be implemented in order to avoid undesired spikes at the
generated clocks and harmonic distortion coupling on the demodulator channels. Dead time
values must be several orders of magnitude less than the clock period to not interfere with
the clocks phase shift.
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Figure 15. Dead time conceptionClock generation module

Finally, the demodulation stage consists of two simple wave rectifiers. On each rectifier, when
the input signal to be measured and the reference signal are of the same frequency, the
demodulator output has a dc component proportional to the input signal amplitude [48,49,50].
By adjusting the phase of the reference signal using the phase-shifters present in the reference
channel, the phase difference between the input signal and the reference can be brought to
zero (null shift procedure). If we get all the four phases; 0º, 90º, 180º and 270º; considering the
two different channels on demodulation stage, we have a complete data spectrum to evaluate
the whole input signal.

A low pass filter characterized by a low cut-off frequency is necessary to reject the noise and
harmonics superimposed to the output demodulation stage and acquire the dc component
proportional to the signal. A very interesting architecture is based on a trans-conductance
amplifier (OTA), due to the very small trans-conductance values, in the order of nano-
siemmens, that can be defined [51]. The basic structure is based on a source degenerated trans-
conductance amplifier (OTA) to define the filter. The source degeneration increases the input
range of the amplifier and also decreases the equivalent trans-conductance of the OTA
amplifier. The ratio between the current mirrors decreases the current level at output, which
results in an even minor value [52]. These current mirrors are based on composite transistors,
used to reach greater copy factors. The typical transfer equation and cut-off frequency are the
following

|HFILTER|=
gm1 · gm2

C1 · C2

s2 +  s ·
gm2
C2 +

gm1 · gm2
C1 · C2

(29)

ω0 = gm1 · gm2
C1 · C2  (30)

Then, integratable capacitors can be implemented, defining cut-off frequencies in the range of
0.1Hz to 30Hz. The LP Filter on Figure 13. is depicted as a Gm-C second-order low pass-filter
in Figure16.
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Figure 16. Gm-C Second order filter configuration.

Once we get both real and imaginary components of the measured signal from the analogue

lock-in amplifier, we need to process these raw dc values to obtain reliable information about

our system to perform an EIS experiment with them. In order to develop a complete system

for EIS experiments, the dc raw data on lock-in output must be digitalized in order to carry

out the mathematical post-processing, equation 31 to 34, on a microcontroller, DSP or com‐

puter. The digitalization of the output data is easiest than in other devices due to the acquisition

of only DC signals. The theoretical expression of the module and phase of Vout,POT, in Figure

13, using the Randles model, are found in following equations:

|Vout ,POT |= π
2 Vreal

2 + Vim
2 (31)

ΦVout ,POT =arctg( V im

V real
) (32)

|ZCELL |= 2
π · V CELL · R · 1

V real
2 + V im

2 (33)

ΦZCELL =arctg( V im

V real
) (34)

Where 2/pi is the mean absolute value of the sine function [48].

Obtaining with equation 36 and 37 a direct measurement of both ZCELL module and phase and

ZCELL real and imaginary components and obtaining reliable data for Electrochemical Impe‐

dance Spectroscopy experience. In Figure 17 the behavior of the demodulation stage for both

channels is shown.

State of the Art in Biosensors - General Aspects260



Figure 16. Gm-C Second order filter configuration.

Once we get both real and imaginary components of the measured signal from the analogue

lock-in amplifier, we need to process these raw dc values to obtain reliable information about

our system to perform an EIS experiment with them. In order to develop a complete system

for EIS experiments, the dc raw data on lock-in output must be digitalized in order to carry

out the mathematical post-processing, equation 31 to 34, on a microcontroller, DSP or com‐

puter. The digitalization of the output data is easiest than in other devices due to the acquisition

of only DC signals. The theoretical expression of the module and phase of Vout,POT, in Figure

13, using the Randles model, are found in following equations:

|Vout ,POT |= π
2 Vreal

2 + Vim
2 (31)

ΦVout ,POT =arctg( V im

V real
) (32)

|ZCELL |= 2
π · V CELL · R · 1

V real
2 + V im

2 (33)

ΦZCELL =arctg( V im

V real
) (34)

Where 2/pi is the mean absolute value of the sine function [48].

Obtaining with equation 36 and 37 a direct measurement of both ZCELL module and phase and

ZCELL real and imaginary components and obtaining reliable data for Electrochemical Impe‐

dance Spectroscopy experience. In Figure 17 the behavior of the demodulation stage for both

channels is shown.

State of the Art in Biosensors - General Aspects260

Figure 17. Caption of the rectified signals for the real and imaginary channels before the active filters. Upper trace (A)
represents the reference clock signal for the synchronous demodulated channel for the real component, before the
filter (Vreal); next figure (B) is the rectified signal. The third signal (C) is the reference clock signal for the synchronoys
demodulated signal for the imaginary component (Vim), and the last trace (D) at the bottom, is the trace of the recti‐
fied signal at the imaginary channel. These traces are obtained for a 180º condition.

3.2.2. The digital approach

As has been stated in section 3.1.2.3, some potentiostat solutions employ an output digital
signal in order to facilitate the data processing and transmission. Since the use of analogue
instrumentation processing usually leads to a final data digitalization, the possibility of a direct
embedded processing is an interesting approach to developing a lock-in amplifier. The digital
lock-in approach is based on an embedded mathematical processing on a microprocessor or
DSP device [19,53]. The block diagram of the lock-in software is depicted in Figure 18.

In order to proceed with the signal processing there are two main approaches: a) the Fast
Fourier Transform (FFT) [18], and b) the Frequency Response Analyzer (FRA) [19]. In the case
of the FFT, a pulse, or a step, -the approach to be followed is the ideal Dirac function-, is applied
to the sample because it contains a wide frequency content. Then, the response of the sample
is digitalized and processed in a digital processor, for instance a DSP, and using the FFT
algorithm, the different frequency components are obtained for their analysis. Another
possibility is the logarithmic sampling in the DFFT calculus, reducing the data required in the
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process [18]. This appears to be simple, but there are several problems in the implementation.
First of all, it is very difficult to generate a fast step function and a very fast potentiostat capable
of driving this step on the electrodes and extracting the resulting current signal. If the poten‐
tiostat rising time is too slow, the resulting frequency components will be distorted. Since the
important information is contained in a short period of time after the step is applied, in addition
to a very fast potentiostat, very fast ADC with a high precision bit resolution is also required

Figure 18. Digital lock-in block diagram.

A simpler solution is based on the FRA approach. In this case a sine and cosine signals are
adopted and by means of two multipliers and a filter stage the real and imaginary components
of the response are obtained. This measurement must be done for each frequency. Working
with just one sensor and in terms of the size of the final product, the FFT option could be
adopted, although high speed hardware and heavy algorithm implementation is required,
because the response for several frequencies is obtained. The FRA solution is more oriented
to multi-sensor approaches but is also a good option in the case of single sensors, in terms of
the trade-off between complexity and speed, if not too low frequencies are to be measured.

This lock-in approach is more feasible. The digital lock-in FRA approach [19] is based on the
principle that there is no correlation between noise and measured signal. In contrast to the
analogue approach, an orthogonal arithmetic multiplying between the incoming potentiostat
signal and reference signal are used to get the real and imaginary components, coming close
to the theoretical behavior of a lock-in amplifier depicted in section 3.2. A digital lock-in has
no low frequency limitations, being capable of working properly at the sub-hertz region. The
upper frequency limitation is mainly limited by the ADC conversion time, being able to
develop a wide frequency range EIS system. On the other hand, the digital lock-in is limited
by area and power consumption. The area and power consumption levels depend on the
electronics involved. If a microprocessor is needed, we get typical power consumption, for
commercial solutions, of several hundreds of mW, which is far from the desired power waste.
But in the recent years a step forward in microprocessors field has been presented in [54] and
[55]. [54] Present a microprocessor, in a 180 nm technology, with a power consumption of 226
nW, and area of 915x915 mm2. It evolved from [55], where the sub-threshold operating region
is explored. In the same way there has been an evolution in microprocessor development, in
terms of area and power consumption. [19] Present an evolution of the digital lock-in algorithm
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based on an oversampling solution, simplifying the orthogonal vector arithmetic cutting off
all the multiplying operations.

In that way, evolution of both microprocessor hardware and lock-in algorithm software, leads
to a whole post-processing embedded system with great throughput, functionality and
versatility without involving a high area or power consumption.

4. An example of a CMOS low power potentiostat amplifier

In this section the design of a CMOS low power potentiostat amplifier using a 0.13µm
technology is described. Potentiostat architecture [2,6,56,57], using the described electrochem‐
ical model, is depicted in Figure 19.

This structure is based on four amplifiers (Opamp) and two resistors. OP4 is the transimpe‐
dance amplifier, which defines the virtual ground voltage of the WE electrode, and provides
current-to-voltage conversion such that,

Vout ,POT = - ICELL · RTIA (35)

where ICELL is the current through the cell and RTIA the gain defined on the transimpedance
amplifier.

OP3 is used to ensure minimal current flow through the RE electrode. It senses the voltage
difference between the RE and WE electrodes (virtual ground). This difference is compared
by OP2 with the desired VIN voltage, changing the voltage at the AUX electrode and defining
a current through the cell in such a way that the voltage difference between the RE and WE
electrodes follows the defined VIN DC+AC signal that polarizes the sensitive cell.

Figure 19. Full schematic view of the potentiostat amplifier with the adopted electrochemical electrical model [58].
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If WE electrode is attached at a virtual ground by the transimpedance amplifier, it can be
demonstrated that the Zcell impedance, and variations, could be detected continuously by:

Vout,POT =
RTIA

ZCELL
(Vref-Vwork)=

RTIA

ZCELL
VIN (36)

ZCELL(jω)=
VIN

Vout,POT
 RTIA (37)

The amplifier adopted to design the potentiostat amplifier is based on a wide-swing, cascode
output stage with feedforward class-AB control, Figure 20 and Figure 21, [58-60] for OP1, OP2
and OP3 amplifiers and a full-custom, multi-stage, high input impedance, cascode output stage
for transimpedance amplifier OP4. The AB amplifiers (OP1, OP2 and OP3) output transistors
have been sized in such a way they can supply the right current for the worst load conditions,
defined by the electrochemical model, which has a total value of several MΩ. The input stage
of the transimpedance amplifier (OP4) has been designed to increase by three orders of
magnitude, the input impedance, minimizing offset and current losses at WE electrode. The
power supply is 1.2 V for all the electronics.

Figure 20. Full schematic view of the AB amplifier [58].

Individual amplifier AB (OP1, OP2 and OP3) is 440µm in height and 500µm in width, with 84
µW of power consumption in nominal conditions (10MΩ@10pF), 108 dB open-loop gain at low
frequencies, 300 kHz bandwidth with a PM = 59º and 12 µV of input systematic offset. In Table
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output stage with feedforward class-AB control, Figure 20 and Figure 21, [58-60] for OP1, OP2
and OP3 amplifiers and a full-custom, multi-stage, high input impedance, cascode output stage
for transimpedance amplifier OP4. The AB amplifiers (OP1, OP2 and OP3) output transistors
have been sized in such a way they can supply the right current for the worst load conditions,
defined by the electrochemical model, which has a total value of several MΩ. The input stage
of the transimpedance amplifier (OP4) has been designed to increase by three orders of
magnitude, the input impedance, minimizing offset and current losses at WE electrode. The
power supply is 1.2 V for all the electronics.

Figure 20. Full schematic view of the AB amplifier [58].

Individual amplifier AB (OP1, OP2 and OP3) is 440µm in height and 500µm in width, with 84
µW of power consumption in nominal conditions (10MΩ@10pF), 108 dB open-loop gain at low
frequencies, 300 kHz bandwidth with a PM = 59º and 12 µV of input systematic offset. In Table
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1 different results are summarized, based on the typical (TYP), fast (FFA) and slow (SSA)

mobility values of the electrical carriers, and for different simulation conditions, are reported.

TYP

Parameters Voffset (µV) F0dB (kHz) Phase Margin (º) Gain (dB) Vnoise (µV) THD (%) Psupply (µW)

Schematic -17,56 402,3 60,19 108,9 118,73 5,56m 78,4

Extracted -12,04 303,7 58,78 107,9 397,15 3,67m 84,9

FFA

Parameters Voffset (µV) F0dB (kHz) Phase Margin (º) Gain (dB) Vnoise (µV) THD (%) Psupply (µW)

Schematic -26,07 335,5 65,79 106,1 62,95 1,74m 90,7

Extracted -17,27 401,7 54,94 108,9 104,44 2,46m 101,9

SSA

Parameters Voffset (µV) F0dB (kHz) Phase Margin (º) Gain (dB) Vnoise (µV) THD( %) Psupply (µW)

Schematic -13,83 390,51k 62,12 110,1 62,12 14,49m 95,4

Extracted -10,42 158,8 k 71,23 102,9 104,49 4,71m 32,1

Table 1. Folded Cascode AB amplifier characterization @ ± 0.6Vsupply

Figure 21. Full layout view of the AB amplifier [58].
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Transimpedance amplifier (OP4) is 500µm in height and 1000µm in width, with 61 µW power
consumption in nominal conditions(10MΩ@10pF), 85 dB open-loop gain at low frequencies,
400 kHz bandwidth with a PM = 67º and 26 µV input systematic offset.

Taking account of an extremely low offset requirement for bio-implantable devices, this low
offset performance is due to an accurate channel length modulation of transistors size at the
differential pairs, applying careful techniques for the analogue layout [61]. The linear range of
the potentiostat amplifier has been analysed by simulations and it is expected to be 80% of the
supply range. As an example; considering a ±100mV full scale voltage, in the ±75mV range the
linearity response is quite good, with a deviation error of less than 0.01% [6], as is depicted in
Figure 22. The potentiostat amplifier is 1400µm in height and 1000µm in width, with a power
consumption of 400µW@|VDD-VSS|=1.2V.

The full system has been analyzed based on the extracted views of the design. The ranges of
the electrochemical parameters are good enough for the targets of the electrochemical cells.
Initial simulations of this approach are presented, with positive results in terms of the
potentiostat amplifier and lock-in amplifier response. The potentiostat assures a good linearity,
and also ensures that the electrochemical cell follows the input voltage VIN as expected. Current
losses on the TIA amplifier stage are totally negligible and enclosed.

Figure 22. These signals are the derived functions, where A is the input signal (VIN) and C the polarization signal
(VCELL).

5. Summary and conclusions

In this chapter, we have introduced the basic principles of biosensors and bioelectronics
interfaces specially focused on the design of instrumentation related to amperometrics
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biosensors, potentiostat amplifiers and lock-in amplifiers. These elements have been intro‐
duced with regard to the state-of-the-art and the trends involved in such systems, and the
development of custom built electronic solutions for bio-electronics applications, from discrete
devices to ASICS solutions.

Discrete systems are useful for implementation in portable point-of-care applications. As we
get less area and power restrictions than an ASIC solution, there are several architectures for
data acquisition, processing and transmission. Potentiostat amplifiers can be designed with
discrete devices or a monolithic ASIC solution while the lock-in amplifier can be designed with
discrete devices or monolithic ASIC for an analogue approach, or an external commercial
microcontroller or DSP for a digital approach. We must choose our fit depending on portability,
accuracy and reliability requirements.

However, for body sensor networks body or implantable devices development, the increased
functionality, reduced systems, with smaller multiplexed electrodes, for ultra-low current
detection and versatility will require potentiostat amplifiers to be designed on a system-on-
chip (SoC), which will force us to implement the system in CMOS technology.

As stated by [62] a trade-off between versatility and power consumption, aggressive digital
processing and analogue data processing or general purpose and custom design, must be
considered when developing such systems that integrates medical and electronic technologies.
These trade-offs have been presented on this chapter split in two different sections, related to
the potentiostat amplifier and to the lock-in amplifier. Finally, an example of CMOS low power
potentiostat amplifier has been reported.

Structure Topology Advantages Disadvantages

Transimpedance amplifier stage.

Section 3.1.2.1.
- Simplicity.

- Virtual ground on working electrode.

- Active devices through flowing

current path.

- Current measurement losses due to

amplifier input bias current.

Instrumentation amplifier stage.

Section 3.1.2.2.

- No virtual ground on working

electrode.

No active devices through flowing

current path.

- Higher flicker and thermal noise due

to extensive use of resistors.

- Impedance increase on potentiostat

feedback loop.

- Low integration degree.

Transimpedance switching capacitor

stage. Section 3.1.2.3.

- High integration degree.

Most versatile analogue output signal

to A/D conversion.

- Virtual ground on working electrode.

- Active devices through flowing

current path.

- Highly dependent on electrode

morphology and parasitic capacitors.

Table 2. Summary table section 3.1.
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In section 3.1, different potentiostat amplifier topologies have been reported. Different
approaches to develop a potentiostat amplifier were introduced, taking account of on every
particular situation the pros and contras. Table 2. Choosing the best fit analogue instrumen‐
tation has repercussions on several benefits in terms of area and power consumption, and is
the first step to a solid efficient design. Exploiting the analogue processing before digitization
is the optimal way to develop these systems, regarding all the benefits described.

In section 3.2 the lock-in amplifier is shown with two different approaches, the analogue
approach and the digital approach. Table 3.

The analogue lock-in amplifier provides several advantages in terms of post-processing
requirement as the digitization of the output data, being a DC signal, is easier than in other
kinds of devices, decreasing considerably the complexity of the post-processing and data
transmission electronics. On the other hand, this analogue approach has some limitations in
terms of versatility and bandwidth, which is limited by the whole lock-in electronics. Assum‐
ing the implementation of a CMOS monolithic solution for a whole implantable device,
versatility and bandwidth limitations can be acceptable in terms of an efficient custom system.

The digital approach of a lock-in amplifier allows us to develop a very versatile and powerful
device. The bandwidth of this system is only limited by the analogue to digital converter and
data transmission electronics if needed. The digital lock-in approach being a whole mathe‐
matical embedded system can be implemented in different processing topologies, such as real
time processing by means of a FPGA (Field Programmable Gate Array), or standard processing
by means of a DSP or microprocessor. A digital lock-in has no low frequency limitations, being
able to work effectively at the sub-hertz region. The upper frequency limitation is mainly
limited by the ADC conversion time, being capable of developing a wide frequency range EIS
system.

Structure Topology Advantages Disadvantages

Analog lock-in. Section 3.2.1.
- Simplest analog output signal A/D conversion.

- Less power and area consumption.

- Low and high frequency limitation.

- Pure AC signals needed.

Digital lock-in. Section 3.2.2.

- No frequency limitation. Wide frequency range

operation.

- More versatile system.

- Higher power and area consumption

due to ADC or microcontroller.

Table 3. Summary table section 3.2.

We must keep in mind the large area and power increase represented by a microprocessor,
DSP or FPGA, which can make this lock-in approach not suitable for low power consumption
electronics or implantable devices. However, as it has been reported in section 3.2.2, advances
in DSP area and power requirements and advances in digital lock-in algorithms have made
the possibility of a digital lock-in implementation on a low-power system-on-a-chip CMOS
implantable device feasible.
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1. Introduction

In the fields of analytical and physical chemistry, medical diagnostics and biotechnology
there is an increasing demand of highly selective and sensitive analytical techniques which,
optimally, allow an in real-time label-free monitoring with easy to use, reliable, miniatur‐
ized and low cost devices. Biosensors meet many of the above features which have led them
to gain a place in the analytical bench top as alternative or complementary methods for rou‐
tine classical analysis. Different sensing technologies are being used for biosensors. Catego‐
rized by the transducer mechanism, optical and acoustic wave sensing technologies have
emerged as very promising biosensors technologies. Optical sensing represents the most of‐
ten technology currently used in biosensors applications. Among others, Surface Plasmon
Resonance (SPR) is probably one of the better known label-free optical techniques, being the
main shortcoming of this method its high cost. Acoustic wave devices represent a cost-effec‐
tive alternative to these advanced optical approaches [1], since they combine their direct de‐
tection, simplicity in handling, real-time monitoring, good sensitivity and selectivity
capabilities with a more reduced cost. The main challenges of the acoustic techniques re‐
main on the improvement of the sensitivity with the objective to reduce the limit of detec‐
tion (LOD), multi-analysis and multi-analyte detection (High-Throughput Screening
systems-HTS), and integration capabilities.

Acoustic sensing has taken advantage of the progress made in the last decades in piezoelec‐
tric resonators for radio-frequency (rf) telecommunication technologies. The so-called gravi‐
metric technique [2], which is based on the change in the resonance frequency experimented
by the resonator due to a mass attached on the sensor surface, has opened a great deal of
applications in bio-chemical sensing in both gas and liquid media.
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Traditionally, the most commonly used acoustic wave biosensors were based on QCM devi‐
ces. This was primarily due to the fact that the QCM has been studied in detail for over 50
years and has become a mature, commercially available, robust and affordable technology
[3, 4]. LW acoustic sensors have attracted a great deal of attention in the scientific communi‐
ty during the last two decades, due to its reported high sensitivity in liquid media compared
to traditional QCM-based sensors. Nevertheless, there are still some issues to be further un‐
derstood, clarified and/or improved about this technology; mostly for biosensor applica‐
tions.

LW devices are able to operate at higher frequencies than traditional QCMs [5]; typical oper‐
ation frequencies are between 80-300 MHz. Higher frequencies lead, in principle, to higher
sensitivity because the acoustic wave penetration depth into the adjacent media is reduced
[6]. However, the increase in the operation frequency also results in an increased noise level,
thus restricting the LOD. The LOD determines the minimum surface mass that can be de‐
tected. In this sense, the optimization of the read out and characterization system for these
high frequency devices is a key aspect for improving the LOD [7].

Another important aspect of LW technology is the optimization of the fluidics, specially the
flow cell. This is of extreme importance for reducing the noise and increasing the biosensor
system stability; aspects that will contribute to improve the LOD.

The analysis and interpretation of the results obtained with LW biosensors must be deeper
understood, since the acoustic signal presents a mixed contribution of changes in the mass
and the viscoelasticity of the adsorbed layers due to interactions of the biomolecules. A bet‐
ter understanding of the transduction mechanism in LW sensors is a first step to advance in
this issue; however its inherent complexity leads, in many cases, to frustration [8].

The fabrication process of the transducer, unlike in traditional QCM sensors, is another as‐
pect under investigation in LW technology, where features such as: substrate materials,
sizes, structures and packaging must be still optimized.

This chapter aims to provide an updated insight in the mentioned topics focused on biosen‐
sors applications.

2. Basis of LW sensors

The Love wave physical effect was originally discovered by the mathematician Augustus
Edward Hough Love. He observed an effect caused by earthquake waves far from the epi‐
center due to the lower acoustic wave velocity of waves propagating along the stratified
geological layers [9]. The LW sensor is a layered structure formed, basically, by a piezoelec‐
tric substrate and a guiding layer (see Figure 1a). LW devices belong to the family of surface
acoustic wave (SAW) devices in which the acoustic wave propagates along a single surface of
the substrate. The piezoelectric substrate of a LW device primarily excites a shear horizontal
surface acoustic wave (SH-SAW) or a surface skimming bulk wave (SSBW) depending on the ma‐
terial and excitation mode of the substrate. Both waves have shear horizontal particle dis‐

State of the Art in Biosensors - General Aspects278



Traditionally, the most commonly used acoustic wave biosensors were based on QCM devi‐
ces. This was primarily due to the fact that the QCM has been studied in detail for over 50
years and has become a mature, commercially available, robust and affordable technology
[3, 4]. LW acoustic sensors have attracted a great deal of attention in the scientific communi‐
ty during the last two decades, due to its reported high sensitivity in liquid media compared
to traditional QCM-based sensors. Nevertheless, there are still some issues to be further un‐
derstood, clarified and/or improved about this technology; mostly for biosensor applica‐
tions.

LW devices are able to operate at higher frequencies than traditional QCMs [5]; typical oper‐
ation frequencies are between 80-300 MHz. Higher frequencies lead, in principle, to higher
sensitivity because the acoustic wave penetration depth into the adjacent media is reduced
[6]. However, the increase in the operation frequency also results in an increased noise level,
thus restricting the LOD. The LOD determines the minimum surface mass that can be de‐
tected. In this sense, the optimization of the read out and characterization system for these
high frequency devices is a key aspect for improving the LOD [7].

Another important aspect of LW technology is the optimization of the fluidics, specially the
flow cell. This is of extreme importance for reducing the noise and increasing the biosensor
system stability; aspects that will contribute to improve the LOD.

The analysis and interpretation of the results obtained with LW biosensors must be deeper
understood, since the acoustic signal presents a mixed contribution of changes in the mass
and the viscoelasticity of the adsorbed layers due to interactions of the biomolecules. A bet‐
ter understanding of the transduction mechanism in LW sensors is a first step to advance in
this issue; however its inherent complexity leads, in many cases, to frustration [8].

The fabrication process of the transducer, unlike in traditional QCM sensors, is another as‐
pect under investigation in LW technology, where features such as: substrate materials,
sizes, structures and packaging must be still optimized.

This chapter aims to provide an updated insight in the mentioned topics focused on biosen‐
sors applications.

2. Basis of LW sensors

The Love wave physical effect was originally discovered by the mathematician Augustus
Edward Hough Love. He observed an effect caused by earthquake waves far from the epi‐
center due to the lower acoustic wave velocity of waves propagating along the stratified
geological layers [9]. The LW sensor is a layered structure formed, basically, by a piezoelec‐
tric substrate and a guiding layer (see Figure 1a). LW devices belong to the family of surface
acoustic wave (SAW) devices in which the acoustic wave propagates along a single surface of
the substrate. The piezoelectric substrate of a LW device primarily excites a shear horizontal
surface acoustic wave (SH-SAW) or a surface skimming bulk wave (SSBW) depending on the ma‐
terial and excitation mode of the substrate. Both waves have shear horizontal particle dis‐

State of the Art in Biosensors - General Aspects278

placements (perpendicular to the wave propagation direction and parallel to the waveguide
surface). This type of acoustic wave operates efficiently in liquid media, since the radiation
of compressional waves into the liquid is minimized.
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Figure 1. a) Basic structure of a LW sensor. b) Five-layer model of a LW biosensor.

LW sensors consist of a transducing area and a sensing area. The transducing area consists
of the interdigital transducers (IDTs), which are metal electrodes, sandwiched between the
piezoelectric substrate and the guiding layer. The input IDT is excited electrically (applying
an rf signal) and launches a mechanical acoustic wave into the piezoelectric material which
is guided through the guiding layer up to the output IDT, where it gets transformed back to
a measurable electrical signal. The sensing area is the area of the sensor surface, located be‐
tween the input and output IDT, which is exposed to the analyte.

LW sensors can be used for the characterization of processes involving several layers de‐
posited over the sensing area; such is the case of biosensors. A LW biosensor can be descri‐
bed as a layered compound formed by the LW sensor in contact with a finite viscoelastic
layer, the so-called coating, contacting a semi-infinite viscoelastic liquid as indicated in Fig‐
ure 1b. Each layer has its material properties given by: the shear modulus µ, density ρ and
viscosity η.  Hence, the subscripts S, L, SA, C and F denotes the substrate, guiding layer,
sensing area, coating and fluid layers, respectively. Biochemical interactions at the sensing
area cause changes in the properties of the propagating acoustic wave which can be detect‐
ed at the output IDT.

The difference between the mechanical properties of the guiding layer and the substrate cre‐
ates an entrapment of the acoustic energy in the guiding layer keeping the wave energy near
the surface and slowing down the wave propagation velocity. This guiding layer phenom‐
enon makes LW devices very sensitive towards any changes occurring on the sensor surface,
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such as those related to mass loading, viscosity and conductivity [5]. The higher the confine‐
ment of the wave in the guiding layer, the higher the sensitivity [10].

The proper design of a LW device for biosensor applications must consider the advances
made on these basic elements. Updated information about each one of these elements is then
required and can be found in the following sections.

2.1. Piezoelectric substrate

Thanks to piezoelectricity electrical charges can be generated by the imposition of mechanical
stress. The phenomenon is reciprocal; applying an appropriate electrical field to a piezoelec‐
tric material generates a mechanical stress [11]. In LW sensors an oscillating electric field (rf
signal) is applied in the input IDT which, due to the piezoelectric properties of the substrate,
launches an acoustic guided wave. The guided wave propagates through the guiding layer
up to the output IDT where, again due to the piezoelectric properties of the substrate, is con‐
verted back to an electric field for measurement. A remarkable parameter of the piezoelec‐
tric substrate is the electromechanical coupling coefficient (K2), which indicates the conversion
efficiency from electric energy to mechanical energy; its value depends on the material prop‐
erties. This is an important design parameter in LW sensors, since higher K2 lead to low loss
LW devices and, therefore, more sensitive LW sensors [12].

When choosing a material for the substrate of LW devices, apart from the desired low losses,
other requirements, such as low temperature coefficient of frequency (TCF) have to be consid‐
ered as well. Special crystal cuts of the piezoelectric substrate material1 can yield an intrinsi‐
cally temperature-compensated device which minimizes the influence of temperature on the
sensor response, thus improving the LOD [13,14].

The shear horizontal polarization required for operation of the LW sensor in liquid media is
another aspect to be considered when choosing the substrate material. In this sense, quartz
is the only common substrate material that can be used to obtain a purely shear polarized
wave [13]. The crystal cut and the wave propagation direction, which depends on the IDTs
orientation, define the elastic, dielectric and piezoelectric constants of the crystal, and there‐
fore the wave polarization. Possible cuts which generate a purely shear polarized wave are
the AT-cut quartz and the ST-cut quartz. AT-cut quartz and ST-cut quartz are both Y-cuts,
rotated 35°15’ and 42°45° about the original crystallographic X-axis, respectively.

Initially, LW devices were made in ST-cut quartz [15], however, ST-cut quartz is very sensi‐
tive to temperature (its TCF is around 40 ppm/°C) [16]. This was a restrictive factor in terms
of sensor LOD and, thus, temperature-compensated systems based on different quartz cuts
and different materials for the substrate such as lithium tantalate (LT), LiTaO3, and lithium
niobate (LN), LiNbO3, were investigated [17-19]. In particular, AT-cut quartz, 36° YX LT and
36° YX LN were proposed, the last two corresponds to specific cuts of LT and LN materials
[10]. Table 1 contains the values of some characteristic parameters of the previously men‐

1 The substrate crystal cuts (or plates) are obtained by cutting slices of a single-crystal starting material with an arbitra‐
ry orientation relative to the three orthogonal crystallographic axes.
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tioned substrate materials. In column 2, the substrate shear velocity vS, is defined by the sub‐
strate material properties (vS = (µS/ρS)1/2).

Substrate vS (m/s) ρS(kg/m3) K2 (%) TCF (ppm/°C)

ST-cut Z’ propagating quartz 5050 2650 1.9 40

AT-cut Z’ propagating quartz 5099 2650 1.4 0-1

36° YX LN 4800 4628 16 -75 to -80*

36° YX LT 4200 7454 5 -30 to -45

Table 1. Most commonly employed crystal cuts for LW devices (modified from [18]).*Approximate value.

LN substrates have higher coupling factor and low propagation loss than LT and quartz
substrates. However, these substrates are extremely vulnerable to abrupt thermal shocks.

The low insertion loss, very large electromechanical coupling factor K2 and low propagation
loss which characterize 36° YX LT substrates [20] provide advantages over other substrates
such as quartz cuts, where exquisite care in the fluidic packaging is required to prevent ex‐
cessive wave damping [21]. For this reason, LT seems to be the substrate material of choice
in high-loss applications due to its high coupling factor K2, while in low-loss applications
quartz may exhibit better wave characteristic [22]. The main shortcomings of 36° YX LT sub‐
strates are: they do not generate a pure shear wave, which increases the damping when is
liquid loaded; and they have a poor thermal stability due to their high TFC (-30 to -40
ppm/°C [19]) if compared with AT-quartz.

From the point of view of thermal stability, AT-cut quartz seems to be the most appropriate
due to its very low TCF [14]. Although the coupling coefficient of the AT-cut quartz is the
lowest compared to other cuts, in our opinion, AT-cut quartz is currently the most suitable
substrate for LW biosensing applications among the mentioned substrates, for several rea‐
sons: 1) it is capable of generating pure shear waves, diminishing the damping when is liq‐
uid loaded; 2) its thermal stability is the highest one, which improves the LOD; 3) the mass
sensitivity of quartz substrates is significantly high than that of LT substrates [17,23]; and 4)
LT and LN substrates are extremely fragile and must be handled with great care during the
device fabrication to prevent them from breaking in pieces.

2.2. Interdigital transducers

Interdigital transducers (IDTs) were firstly reported in 1965 by White and Voltmer [24] for
generating SAWs in a piezoelectric substrate. An IDT, in its most simple version, is formed
by two identical combs-like metal electrodes whose strips are located in a periodic alternat‐
ing pattern located on top of the piezoelectric substrate surface. Figure 2a shows the struc‐
ture of a single-electrode IDT which consists of two strips per period p and acoustic aperture W.
The strip width is equal to the space between strips (p/4). One comb is connected to ground
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and the other to the center conductor of a coaxial cable where a rf signal is provided. A pair
of two strips with different potential is called a finger pair.

The IDT electric equivalent circuit is explained in reference [25]. Figure 2b shows the IDT
frequency response, where A(f) is the electrical amplitude of the rf signal. The maximum in
A(f) occurs when the wavelength λ of the generated acoustic wave is equal to the period p
and this arises at the so called synchronous frequency fs. In relation to the bandwidth B of an
IDT frequency response, this will be narrower when increasing the number of finger pairs N.
However, there is a limitation in the maximum N recommended, due to the fact that, in
practice, when N exceeds 100, the losses associated with mass loading and the scattering
from the electrodes increase. This neutralizes any additional advantage associated with the
increase of the number of the finger pairs.

Due to symmetry of the IDT in the direction of propagation, the LW energy is emitted in
equal amounts in opposite directions, giving an inherent loss of 3 dB. In a two-port device
this factor contributes 6 dB to the total insertion loss [25,26].

Aluminum has been widely used as IDTs material and has been extensibility demonstrated
in literature as suitable for SAW generation. Aluminum has an ability to resist corrosion and
is the third most abundant element on Earth (after oxygen and silicon). It also has a low cost
compared to other metals. The metallic layer of the electrodes must be thick enough to
present a low electric resistance, but sufficiently thin to avoid an excessive mechanic charge
for the acoustic wave (acoustic impedance breaking) [27]. Generally, a thickness between
100 and 200 nm of aluminum is employed.

There are a number of second-order effects, which are often significant in practice, that af‐
fect the transducer frequency response. The effect for which the transducer strips reflect sur‐
face waves causing mechanical and electrical perturbations of the surface is called electrode
interaction [30]. Usually, these unwanted reflections cancel each other over wide frequency
bands and become negligible. However, in a certain frequency band, the scattered waves are
in phase, adding them constructively and causing very strong reflection (Bragg reflection)
which distorts the transducer frequency response. For a single-electrode IDT (see Figure 2a),
this situation occurs at the resonance condition λ = p. Thus, double-electrode (or double finger
pair or split-electrode) IDTs are used to avoid this unwanted effect. In double-electrode IDTs
there are four strips per period (see Figure 2c) and thus, the Bragg reflection can be sup‐
pressed at the LW resonance frequency [28]. One disadvantage of the double-electrode is the
increased lithographic resolution required for fabricating the IDTs [29].

Another significant second-order effect is the generation of the triple-transit signal. In a de‐
vice using two IDTs, which is the case of a LW device, the output IDT will in general pro‐
duce a reflected wave, which is then reflected a second time by the input IDT. Thus, a
reflected wave reaches the output IDT after traversing the substrate three times, giving an
unwanted output signal known as the triple-transit signal [26]. This effect is reduced by mak‐
ing the input and output IDT separation large enough.

Some authors use reflectors to improve the frequency response of the LW device. Reflectors
are composed of metal gratings placed in the same configuration than IDTs and are located
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from the electrodes increase. This neutralizes any additional advantage associated with the
increase of the number of the finger pairs.

Due to symmetry of the IDT in the direction of propagation, the LW energy is emitted in
equal amounts in opposite directions, giving an inherent loss of 3 dB. In a two-port device
this factor contributes 6 dB to the total insertion loss [25,26].

Aluminum has been widely used as IDTs material and has been extensibility demonstrated
in literature as suitable for SAW generation. Aluminum has an ability to resist corrosion and
is the third most abundant element on Earth (after oxygen and silicon). It also has a low cost
compared to other metals. The metallic layer of the electrodes must be thick enough to
present a low electric resistance, but sufficiently thin to avoid an excessive mechanic charge
for the acoustic wave (acoustic impedance breaking) [27]. Generally, a thickness between
100 and 200 nm of aluminum is employed.

There are a number of second-order effects, which are often significant in practice, that af‐
fect the transducer frequency response. The effect for which the transducer strips reflect sur‐
face waves causing mechanical and electrical perturbations of the surface is called electrode
interaction [30]. Usually, these unwanted reflections cancel each other over wide frequency
bands and become negligible. However, in a certain frequency band, the scattered waves are
in phase, adding them constructively and causing very strong reflection (Bragg reflection)
which distorts the transducer frequency response. For a single-electrode IDT (see Figure 2a),
this situation occurs at the resonance condition λ = p. Thus, double-electrode (or double finger
pair or split-electrode) IDTs are used to avoid this unwanted effect. In double-electrode IDTs
there are four strips per period (see Figure 2c) and thus, the Bragg reflection can be sup‐
pressed at the LW resonance frequency [28]. One disadvantage of the double-electrode is the
increased lithographic resolution required for fabricating the IDTs [29].

Another significant second-order effect is the generation of the triple-transit signal. In a de‐
vice using two IDTs, which is the case of a LW device, the output IDT will in general pro‐
duce a reflected wave, which is then reflected a second time by the input IDT. Thus, a
reflected wave reaches the output IDT after traversing the substrate three times, giving an
unwanted output signal known as the triple-transit signal [26]. This effect is reduced by mak‐
ing the input and output IDT separation large enough.

Some authors use reflectors to improve the frequency response of the LW device. Reflectors
are composed of metal gratings placed in the same configuration than IDTs and are located
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at the ends of the IDTs (see Figure 2d). These components have generally less finger pairs
than the IDTs. The space periodicity of the reflectors is equal than in the IDTs [30]. Very nar‐
row low-loss pass band can be realized in a two-port device, when the device is designed so
that the reflectors resonate at the IDT resonance frequency, since the transfer admittance be‐
comes very large [28].

2.3. Guiding layer

The difference between the mechanical properties of the piezoelectric substrate and the
guiding layer generates a confinement of the acoustic energy in the guiding layer, slowing
down the wave propagation velocity, but maintaining the propagation loss [32]. In particu‐
lar, the condition for the existence of Love wave modes is that the shear velocity of the guid‐
ing layer material (vL = (µL/ρL)1/2) is less than that of the substrate (vS = (µS/ρS)1/2) [31]. When
both materials, substrate and guiding layer, have similar density the ratio µS/ µL determine
the dispersion of the Love mode; a large value of that ratio (higher µS and lower µL) leads to
a stronger entrapment of the acoustic energy [32] and thus, greater sensitivity. Hence, the
benefit of the guiding layer is that an enhanced sensitivity to mass deposition can be ob‐
tained [33], but also to viscoelastic interactions.
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Figure 2. a) Single-electrode Interdigital Transducer (IDT) with period p, electrode width equal to space 
between electrodes (p/4) and aperture W (modified from [25]). b) Frequency response of an IDT (positive 
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place at both ends of the IDTs (modified from [30]).

Figure 2. a) Single-electrode Interdigital Transducer (IDT) with period p, electrode width equal to space between elec‐
trodes (p/4) and aperture W (modified from [25]). b) Frequency response of an IDT (positive frequencies), where A(f) is
the electrical amplitude (modified from [25]). c) Double-electrode IDT with period p, electrode width equal to space
between electrodes and aperture W. d) Two grating reflectors are place at both ends of the IDTs (modified from [30]).
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The effect of the guiding layer on Love modes influence the substrate coupling factor K2, in‐
creasing it [14]. Also influence the temperature behavior, since modifies the TCF compared
to their parent SSBWs device.

In relation to the materials used for the guiding layer, those with a low shear velocity and
low insertion loss seem to be the most promising materials for developing sensitive biosen‐
sors [22,32,34]. Materials such as polymers [35], silicon dioxide (SiO2) [17], gold (Au) [36]
and zinc oxide (ZnO) [37,38] have been used as guiding layers [21]. In Table 2 some proper‐
ties of these materials are presented2. The use of polymers (like Novolac, polyimide, polydi‐
methylsiloxane  (PDMS)  and  polymethylmethacrylate  (PMMA))  is  interesting  from  the
point of view of the sensitivity, since they have low shear velocity. Additionally, some pol‐
ymers,  like  Novolac  photoresist,  are  very resistant  to  chemical  agents  [39,40].  However,
polymers have high acoustic damping (losses) [39] and this is a clear disadvantage for bio‐
sensing application.

Guiding layer material μL (GPa) ρL (kg/m3) vL (m/s)

SiO2 17.87 2200 2850.04

ZnO 40.17 5720 2650.00

Au 28.50 19300 1215.19

Polyimide 0.87 1420 780.48

PDMS 250×10-6 965 16.09

PMMA 1.70 1180 1200.28

Table 2. Employed materials for guiding layers of LW devices.

Guiding layer/substrate structures made with ZnO as guiding layer have some advantages
over those with a different material. This is the case of ZnO/ST-quartz structure, for which
significantly high sensitivity, small TCF and high K2 were reported [38]. ZnO/LT devices
were also found to have higher mass sensitivity than SiO2/LT [23]. However, ZnO has sever‐
al disadvantages: it is CMOS contaminant, a semiconductor, and thus, it can deteriorate the
efficiency of the transducers and make some artifacts. In addition, it gets easily rough when
sputtered and it is very reactive with acids, liquids, or moisture, so it will dissolve if ex‐
posed to water or humid environment, which is a big problem in biosensors application. Re‐
garding Au guiding layers, they provide very strong wave guiding, since Au has a relatively

2 These values are for guidance, since for deposited or grown materials these values depend on the desposition tech‐
nique and for polymers layers on the cure process.
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low shear acoustic velocity and a high density. However, it couples the rf signal from input
to output IDT.

Silicon dioxide (SiO2) -also known as fused silica- is a standard material in semiconductor
industry and offers low damping, sufficient low shear velocity and excellent chemical and
mechanical resistance [41]. It is the only native oxide of a common semiconductor which is
stable in water and at elevated temperatures, an excellent electrical insulator, a mask to com‐
mon diffusing species, and capable of forming a nearly perfect electrical interface with its
substrate. When SiO2 is needed on materials other than silicon, it is obtained by chemical va‐
por deposition (CVD), either thermal CVD or Plasma enhanced CVD (PECVD) [42]. The
main shortcoming for SiO2 is that the optimum thickness, at which the maximum sensitivity
is reached, is very high (see Section 5), so this complicates the manufacturing process. Nev‐
ertheless, at the present, we consider that SiO2 is the most appropriate material for LW bio‐
sensors guiding layer, mainly due to its low damping and excellent chemical and
mechanical properties [42].

2.4. Sensing area

The sensing area can be made of different material than the guiding layer. Sensing layers
have been reported composed of materials like PMMA [43] and SU-8 [44], but the most com‐
monly employed is gold (Au). Generally, the thickness of this layer varies from 50-100 nm
and 2-10 nm of chrome (Cr) or titanium (Ti) is needed to promote adherence to the guiding
layer. Au surfaces are very attractive candidates for self-assembly due to their metallic na‐
ture, great nobility, and particular affinity for sulphur. This aspect allows functionalization
with thiols of various types and adhesion to diverse organic molecules, which are modified
to contain a sulphur atom. These coatings, assembled onto the gold surfaces, can serve as
biosensors [36]. Immobilization techniques on gold for biosensing are quite common and
much utilized in the scientific community. However, immobilization techniques on different
materials, like SiO2, could greatly simplify the LW biosensors fabrication.

3. Measurement techniques

Figure  3a  shows a  configuration of  a  two-port  LW device  where  it  behaves  as  a  delay
line.  D  is  the  distance between input  and output  IDT and L  is  the  center-to-center  dis‐
tance between the IDTs. Thus, the sensor is a transmission line which transmits a mechan‐
ical signal (acoustic wave) launched by the input port (input IDT) due to the applied rf
electrical signal. After a time delay the traveling mechanical wave is converted back to an
electric  signal  in  the  output  port  (output  IDT).  In  general,  changes  in  the  coating layer
and/or in the semi-infinite fluid medium (see Figure 1b) produce variations in the acous‐
tic wave properties (wave propagation velocity, amplitude or resonant frequency). These
variations can be measured comparing the input and output electrical  signal,  since pha‐
sor  Vin  remains  unchanged,  while  phasor  Vout  changes.  Thus,  from  an  electric  point  of
view, a LW delay line can be defined by its transfer function H(f) = Vout/Vin, which repre‐
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sents the relationship between input and output electrical signal. H(f)  is a complex num‐
ber which can be defined as H(f) = Aejφ, being A = |Vout/Vin| the amplitude and φ the phase
shift  between Vout  and Vin.  In terms of voltage, the insertion loss  (IL) in dB is given by 20
log10(A). Figure 3b, presents the frequency response of an AT-cut Z’ propagating/SiO2 LW
device designed a fabricated by the authors of this chapter.

Figure 3. a) Scheme of a LW delay line. It consists of two ports. In the input IDT an rf signal is applied which launches
an acoustic propagating wave. The output signal is recorded at the output IDT. D is the distance between input and
output IDT and L is the center-to-center distance between the IDTs. b) Frequency response of a LW device designed a
fabricated by the authors of this chapter. The phase shift (dotted line) and IL (solid line) were measured using a net‐
work analyzer.

In biosensors, biochemical interactions at the sensing area will modify the thickness and
properties of the coating, and therefore variations in the amplitude and phase of the electri‐
cal transfer function can be measured. These variations can be monitored in real time, which
provides valuable information about the interaction process.

The LW delay line can be used as frequency determining element of an oscillator circuit
(closed loop configuration). Effectively, in an oscillator circuit the LW device is placed as a de‐
lay line in the feedback loop of an rf amplifier in a closed loop configuration [10,45]. There‐
fore, a change in the wave velocity, due to a sensing effect, produces a time delay in the
signal through the LW device which appears as phase-shift; this phase-shift is transferred in
terms of frequency-shift in an oscillator configuration. The oscillator is, apparently, the sim‐
plest electronic setup: the low cost of their circuitry as well as the integration capability and
continuous monitoring are some features which make the oscillators an attractive configura‐
tion for the monitoring of the determining parameter of the resonator sensor, which in the
case of the LW device is the phase-shift of the signal at resonance [46-49]. However, due to
the following drawbacks, in our opinion, the oscillators are not the best option for acoustic
wave sensor characterization: 1) they do not provide direct information about signal ampli‐
tude; 2) they, eventually, can stop oscillation if insertion losses exceed the amplifier gain
during an experiment; and 3) despite of the apparent simple configuration, a very good de‐
sign is necessary to guarantee that a LW resonator will operate at a specific frequency, and
this is not a simple task. In effect, in the same way than in QCM oscillators it is required to
assure that the sensor resonates on one defined resonance mode and does not “jump” be‐
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tween spurious resonances [7], in LW oscillators one must assure that the sensor will oper‐
ate at one phase ramp in the sensor response band-pass, and does not jump from one to
another which are almost of identical characteristics (see Figure 3b). Moreover, when the
resonator dimensions get smaller and the frequency increases this becomes more difficult to
achieve, since when increasing frequency there is a decrease of the resonator quality factor, a
decrease in frequency stability [50] and in LW the ramps become nearer to each other.

In an open loop configuration, the input transducer is excited at a fixed frequency while the
phase shift between Vout and Vin, φ, is recorded [32]. In this configuration, in the absence of
interferences, phase variations measured experimentally can be related to changes in the
physical properties of the layers deposited over the sensing area.

Network analyzers are the most commonly used instrumentation for characterizing LW de‐
lay lines in open loop configurations. Nevertheless, recently, some authors successfully vali‐
dated a new characterization technique based on the open loop configuration [51]. A read
out circuit based on this technique for high frequency liquid loaded QCM devices has been
developed by the same authors [52], and tested with LW devices with very satisfactory re‐
sults [53]. The main advantages of this read out circuit are its low cost, high integration,
small size, calibration facility and the possibility of being used as an interface for multi-anal‐
ysis detection.

4. Modeling methods

As mentioned, there is an open research field regarding the employed materials, and its
physical and geometric properties for achieving more optimized LW devices for biosensors
applications. For instance, the thickness of the Love-wave guiding layer is a crucial parame‐
ter that can be varied to achieve a more sensitivity device. The fabrication of LW sensors is
complex and expensive due to their micro sizes [54]; therefore, simulations and modeling of
LW devices as previous steps to their production could be very valuable. Models allow re‐
lating changes in some characteristics of the wave, as the velocity, with changes in the physi‐
cal properties of the layers deposited over the sensing area, and thus, provide information
about the sensing event. Nevertheless, modeling LW devices commonly requires simplified
assumptions or the use of numerical methods [23] due to the complex nature of SAW propa‐
gation in anisotropic and piezoelectric materials.

In this section, information regarding the current most popular models used for modeling
LW sensors is provided: the transmission line model, the dispersion equation and the Finite
Element Method.

4.1. Transmission line model

It is well known that the propagation and attenuation of acoustic waves in guiding struc‐
tures can be obtained by equivalent transmission line models [8,55]. The theory of sound
wave propagation is very similar mathematically to that of electromagnetic waves, so tech‐
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niques from transmission line theory are also used to build structures to conduct acoustic
waves; and these are also called transmission lines. The transmission line model (TLM) for
acoustic waves take advantage of the concepts and techniques of proven value in electro‐
magnetic microwaves to corresponding problems in elastic guided waves [8].

A transmission line is characterized by its secondary parameters which are the propagation
wavevector k (when scalar wavenumber) and the characteristic impedance Zc (see Figure 4a). It is
important to mention that these parameters do not depend on the transmission line length.
In each plane of an electric transmission line it is possible to define a magnitude for a volt‐
age and other for the current in the line. For acoustics transmission lines current and voltage
in electromagnetic are replaced by the particle velocity vp and the stress -TJ, respectively,
where J indicates de stress direction (J = 1, 2,..., 6) [55]. In an acoustic transmission line Zc

represents the relation between the stress -TJ and the particle velocity vp of the material, and
k quantifies how the wave energy will be propagated along the transmission line. To quanti‐
fy the variations of -TJ and vp when the wave propagates through the transmission line, the
lumped elements models presented in Figure 4b and 4c are introduced. Figure 4b corre‐
sponds to the series model, and Figure 4c to the parallel model. The lumped elements of
these models are called the transmission line primary parameters, which are dependent on the
line length. Analyzing the parallel model of Figure 4c, the following coupled differential
equations are obtained:
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Figure 4. a) Pictorial representation of a transmission line. b) Transmission line equivalent series model for 
acoustic propagation in a viscoelastic layer. c) Transmission line equivalent parallel model for acoustic 
propagation in a viscoelastic layer. 

4.1. Transmission line model 1

It is well known that the propagation and attenuation of acoustic waves in guiding structures can be 2
obtained by equivalent transmission line models [8,55]. The theory of sound wave propagation is very 3
similar mathematically to that of electromagnetic waves, so techniques from transmission line theory 4
are also used to build structures to conduct acoustic waves; and these are also called transmission 5
lines. The transmission line model (TLM) for acoustic waves take advantage of the concepts and 6
techniques of proven value in electromagnetic microwaves to corresponding problems in elastic 7
guided waves [8]. 8

A transmission line is characterized by its secondary parameters which are the propagation 9
wavevector k (when scalar wavenumber) and the characteristic impedance Zc (see Figure 4a). It is 10
important to mention that these parameters do not depend on the transmission line length. In each 11
plane of an electric transmission line it is possible to define a magnitude for a voltage and other for 12
the current in the line. For acoustics transmission lines current and voltage in electromagnetic are 13
replaced by the particle velocity vp and the stress -TJ, respectively, where J indicates de stress 14
direction (J = 1, 2, ..., 6) [55]. In an acoustic transmission line Zc represents the relation between the 15
stress -TJ and the particle velocity vp of the material, and k quantifies how the wave energy will be 16
propagated along the transmission line. To quantify the variations of -TJ  and vp when the wave 17
propagates through the transmission line, the lumped elements models presented in Figure 4b and 4c 18
are introduced. Figure 4b corresponds to the series model, and Figure 4c to the parallel model. The 19
lumped elements of these models are called the transmission line primary parameters, which are 20
dependent on the line length. Analyzing the parallel model of Figure 4c, the following coupled 21
differential equations are obtained: 22

2

2

2

2

J
p

p
J

d T Z Y v
dr

d v
Z Y T

dr

= × ×

= × ×

(0.1)23

where Z=jωL, Y=G+jωC and ω=2π/f. Being Z, L, Y, C, G, f, the impedance, inductance, admittance, 24
capacitance and conductance per unit of length, respectively and f the frequency of TJ and vp.25

The solutions for these equations are given by: 26

( )

( )

r r
J J J

r rJ J
p

c c

T r T e T e

T Tv r e e
Z Z

 

 

  ×  ×

 
 × ×

= 

= 

 

 



 (0.2) 27

Figure 4. a) Pictorial representation of a transmission line. b) Transmission line equivalent series model for acoustic
propagation in a viscoelastic layer. c) Transmission line equivalent parallel model for acoustic propagation in a viscoe‐
lastic layer.
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acoustic propagation in a viscoelastic layer. c) Transmission line equivalent parallel model for acoustic 
propagation in a viscoelastic layer. 

4.1. Transmission line model 1
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lines. The transmission line model (TLM) for acoustic waves take advantage of the concepts and 6
techniques of proven value in electromagnetic microwaves to corresponding problems in elastic 7
guided waves [8]. 8
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stress -TJ and the particle velocity vp of the material, and k quantifies how the wave energy will be 16
propagated along the transmission line. To quantify the variations of -TJ  and vp when the wave 17
propagates through the transmission line, the lumped elements models presented in Figure 4b and 4c 18
are introduced. Figure 4b corresponds to the series model, and Figure 4c to the parallel model. The 19
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where Z=jωL, Y=G+jωC and ω=2π/f. Being Z, L, Y, C, G, f, the impedance, inductance, admittance, 24
capacitance and conductance per unit of length, respectively and f the frequency of TJ and vp.25
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Figure 4. a) Pictorial representation of a transmission line. b) Transmission line equivalent series model for acoustic
propagation in a viscoelastic layer. c) Transmission line equivalent parallel model for acoustic propagation in a viscoe‐
lastic layer.
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where T+ and T- are arbitrary values for the intensity of the incident an reflected waves, re‐
spectively. The linear propagation exponent or complex propagation factor γ is directly related to
the wavevector (γ=jk) and is given by γ = (ZY)1/2 = α + jβ. The real part of γ, denoted as at‐
tenuation coefficient α, represents the attenuation suffered by the wave when propagating
through the transmission line. The imaginary part of γ, denoted as phase coefficient β, when
multiplied by a distance, quantifies the phase shift that the wave suffers when traveling that
distance. The characteristic impedance of the line Zc is given by Zc=(Z/Y)1/2. First row of Ta‐
ble 3 shows the relationship between primary and secondary parameters of a transmission
line for the series and parallel model.

The relation between the secondary (or primary) parameters and the properties of the trans‐
mission line materials is achieved by comparing Eqs. (1) with the motion equations of the
LW assuming isotropic layers [55]. These relations are given in the second row of Table 3 for
the series and parallel model.

Series model Parallel model

k = − jγ=ω LC
1 + jωC / G

Zc = L
C + jω L

G

k = − jγ= − j jωL (G + jωC)

Zc = jωL
G + jωC

C = 1
μ

G = 1
η

L =ρ

C = μ
ω 2η 2 + μ 2

G = ηω 2

ω 2η 2 + μ 2

L =ρ

Table 3. Equivalent transmission line model parameters in terms of the layer properties.

Figure 5a shows a simplify description in which a LW propagates in a waveguide structure.
Two assumptions were made: 1) the materials in the figure are isotropic (for piezoelectric
substrates this assumption is valid because of a low anisotropy) and 2) the main wave prop‐
agating in the z direction results from the interaction of two partial waves with the same
component in z direction and opposites components in y direction [12].

If  all  the  properties  of  the  layers  which  are  involved  in  the  LW  transmission  line  are
known, it is possible to obtain the phase velocity of the Love mode vφ. The LW propagates in
each layer i of the device in two directions z and y. In the case of a typical biosensor the de‐
vice consists of 5 layers with the subscripts i equal to: S for the substrate, L for the guiding
layer, SA for the sensing area, C for the coating and F for the fluid. Direction z is known as
the longitudinal direction and direction y as the transverse direction. The wave does not find
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any material properties change in the longitudinal direction; hence it propagates in this di‐
rection acquiring a phase shift and attenuation (in case of material with losses). However,
in the transverse direction a stationary wave exists when the resonance condition is met.
Thus, each layer counts with two transmission lines, one in the transverse direction and the
other in the longitudinal direction. When a wave propagates in y’ direction (see Figure 5a),
as it happens with the partial waves of a layer i, ki has that same direction (see Figure 5b),
and therefore, it has components in z and y directions. In this way, the secondary parame‐
ters of each transmission line are determined from the projection of the parameter in the
proper  direction.  The relation between the  wavevector  and the  wave velocity  is  ki=ω/vi.
Therefore, ki and vi have the same directions, so the wave velocity in y’ direction also has
components in z and y.

Equations (3) and (4) give the expression of the secondary parameters and wave velocity in
the transverse and longitudinal directions, respectively:

cos , cos , cosciy ci i iy i i iy i iZ Z k k v vq q q= = = (3)

sin , sin , sinciz ci i iz i i iz i iZ Z k k v vq q q= = = (4)

The angles θi are called complex coupling angles and depend on the material properties of
each layer, but also on the material properties of the adjacent layers, since in each interface
the Snell’s laws have to be satisfied. In isotropic solids, the incident and reflected waves
must all have the same component of ki in the longitudinal direction [55]; therefore:

sin sin sin sin sinSz S S L L Lz SA SA SAz C C Cz F F Fzk k k k k k k k k kq q q q q= = = = = = = = = (5)
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Figure 5. a) Simplified description of a LW traveling in a guided structure. b) Schematic representation of the wave‐
vectors k1 and k2 in two different media.
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These conditions, together with the transverse resonance relation [8] obtained from the trans‐
mission line models in the direction of resonance (transverse direction) (see Figure 6) pro‐
vides the phase velocity of the Love wave vφ.

The transverse resonance relation establishes that:

( ) ( ) 0Z P Z P+ =
s r

(6)

where Z
→

 represents the acoustic impedance seen by the wave at the right of the plane P and
Z
←

the acoustic impedance seen by the wave at the left of the plane. This relation states that
the acoustic impedances looking both ways from some reference plane P must sum to zero.
The location of P is arbitrary. The solution of applying this condition provides an angle θi

for one layer, depending on where P was located. From the material properties of each layer
and applying the Snell’s laws the angles for the rest of the layers can be found. Once these
angles are known the z and y components of ki and vi can be obtained, and thus the phase
velocity vφ. Assuming that almost all the energy of the wave is confined in the waveguide,
the phase velocity can be defined as the wavefront velocity of the acoustic wave propagat‐
ing in the guiding layer, which in this case propagates in the z direction. In lossless materials
kiz and kiy are real numbers and therefore vφ is given by:

sinLz L L
v

k kj
w w

q
= = (7)
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Figure 6. Equivalent transmission line model of the LW layered structure in the direction of resonance y. The lines are
connected in series to satisfy the boundary conditions and the two semi-infinite layers are loaded with its characteris‐
tic impedance.

When the material has losses, kiz and kiy are complex numbers with real and imaginary parts,
and then the attenuation coefficients appear:

( ) ( )ˆ ˆ ˆ ˆi iz iy iz iz iy iyk k z k y j z j yb a b a= + = - + - (8)

In this case, the phase velocity is given by:
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sin sinLz Lz L L L
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v
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v

j
w w w
b q q

= = = =
ì üÂ Â ï ïÂí ý
ï ïî þ

(9)

On the other hand, the attenuation of the Love Wave αLW is considered to happen mostly in the
propagation direction z, since in the resonance direction, y, a stationary wave takes place.
Therefore:

{ } { }sinLW Lz Lz L Lk ka a q= = -Á = -Á (10)

Thus, following this procedure it is possible to obtain the phase velocity and attenuation of a
LW propagating in a layer. Nevertheless, to complete this, it is necessary to know the mate‐
rial properties of all the layers which integrate the LW device. However, when the device is
used as a sensor, and in particular in biosensor applications, the coating layer properties are
unknown parameters. Thus, quantifying the variations suffered by the mechanical and geo‐
metric layer properties over the sensing layer when measuring the electrical parameters is
what is really interesting.

Variations in amplitude and phase of the transfer function H(f) = Vout/Vin (due to perturba‐
tions in the acoustic wave) can be monitored in real-time. These perturbations can occur due
to variations of the mechanical and geometrical properties of the layers deposited over the
sensing area. Such physical changes affect the propagation factor of the wave, and thus, the
attenuation and phase velocity of the Love Wave. Next, the relations between LW electrical
parameters defined in Section 3 (φ and IL) and the complex propagation factor are ex‐
plained.

The relation between the output and input voltage in a delay line (DL) of length z can be
modeled by its transfer function HDL(f) in the following way:

( ) z
DLH f e g-= (11)

where γ corresponds to the propagation factor of the wave in the line, which in this case cor‐
responds to that of the guiding layer in the z direction γLz. Assuming that the transfer func‐
tion of the input and output IDTs is equal to unit [26], the relation between the electrical
signal in the output and input IDTs H(f) is the same than the one for the delay line:

( ) ( ) ( )out in Lz LzLzj j zzout out jout

in in in

V VV
H f e e e e

V V V
j j a bgj- - +-= = = = = (12)
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Thus, taking into account the relations defined in Section 3, the normalized phase shift and
IL are given by:

20logLz

Lz

IL e
z

z

a

j b

= -

= -
(13)

The increment in IL/z and φ/z from a non perturbed state γLz0 to a perturbed state γLz1 is the
following:

( )1 0

1 0

20logLz Lz

Lz Lz

IL e
z

z

a a

j b b

D = - ×

D = -
(14)

The last set of equations provides a relation between the experimental data and the physical
parameters of the layers. The extraction of the layers physical parameters is a major prob‐
lem. Assuming that the physical properties of the substrate, guiding layer, gold and fluid
medium are known and that these properties do not change during the sensing process,
which can be the case in biosensing, still the parameters of the coating layer are not known.
In comparison, the wave propagation direction in QCM coincides with the resonant direc‐
tion. Therefore, for low frequency QCM applications it is possible to assume that the bio‐
chemical interaction is translated to simple mass changes, since it is reasonable to assume
that the thickness of the coating layer is acoustically thin. This simplifies enormously the pa‐
rameters extraction. However, in LW sensors, this assumption is not valid, and then the only
two experimental data obtained in LW devices (Eq. (14)) are not enough to extract the un‐
known parameters of the coating. This, together with the complex equations which relate
the measured data with the material properties, results in a complex issue that, to our
knowledge, is not yet solved. Hence, there is an open research field of great interest related
to this issue.

4.2. Dispersion equation

The dispersion equation provides the wave phase velocity as a function of the guiding lay‐
er  thickness.  The procedure for  obtaining this  equation for  a  two-layer  system (guiding
layer  and substrate)  is  detailed in reference [56].  Broadly,  this  equation is  reached after
imposing  the  boundary  conditions  to  determine  the  constants  appearing  in  the  particle
displacement  expressions  of  the  waveguide  and  the  substrate.  These  displacements  are
the solution of the equation of motion in an isotropic and non-piezoelectric material.  Af‐
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ter extensive algebraic manipulation [56], the dispersion equation for a two-layer system
is found, resulting [57]:

( ) ( )
( )

2 2

2 2

1
tan

1
SS
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L L

v v
k d

v v
j

j

m
m

-
=

-
(15)

where kLy is the guiding layer transverse wavenumber in y direction, given by:

2 2

2 2Ly
L

k
v vj

w w
= - (16)

Taking into account the relation between the frequency and wave wavelength, f = vφ/λ, the
argument of the tangent in Eq.(15) can be written as:

2 2
1 12Ly
L

dk d v
v vj

j

p
l

= - (17)

where the ratio d/λ is the normalized guiding layer thickness.

From the dispersion equation, the phase velocity can be solved numerically. On the other
hand, the group velocity, vg, as a function of the normalized guiding layer thickness can also
be determined from the phase velocity by the formula [34]:
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j

l
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è ø
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vdv v
v d

(18)

The phase velocity and group velocity of  an AT-cut quartz/SiO2  Z’  propagating layered
structure  were  calculated  using  the  dispersion  equation  (Eq.  (15))  solved  numerically
through the bisection method. The data used to solve the equation for this LW structure
were: vS = 5099 m/s, ρS = 2650 kg/m3, vL = 2850 m/s, ρL = 2200 kg/m3 and λ = 40 µm. The
respective shear modulus were obtained through µi  =  vi

2  ρi.  Results are depicted in Fig‐
ure 7. This figure provides information about the changes in the wave phase velocity due
to changes in the guiding layer thickness.  Assuming that  the perturbing mass layer de‐
posited over the sensing area is  of  the same material  than the guiding layer,  this  equa‐
tion will provide information over the sensing event. Nevertheless, this assumption is far
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from the biosensors reality, where the consideration of a five–layer model is required (see
Figure 1b).
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Figure 7. a) AT-cut Z’ propagating quartz/SiO2 phase velocity (continuous line) and group velocity (dashed 
line) for λ = 40 μm. 

Figure 7. a) AT-cut Z’ propagating quartz/SiO2 phase velocity (continuous line) and group velocity (dashed line) for λ =
40 μm.

Mc Hale et al. developed the dispersion equation of three and four-layer systems neglecting
piezoelectricity of the substrate [33]. When the substrate piezoelectricity is not considered,
the dispersion equation is simplified. This can be the case of quartz substrates, which piezo‐
electricity is low. However, as the piezoelectricity of a substrate increases (like in the case of
LT and LN), neglecting piezoelectricity, or assuming it is accounted for a stiffening effect in
the phase velocity, may be less valid [58]. Liu et al. provided a theoretical model for analyz‐
ing the LW in a multilayered structure over a piezoelectric substrate [58]. Nevertheless, in
our opinion, for those applications with a high number of layers, as in the case of biosensors,
the use of the TLM is more convenient, since it is a very structured and intuitive model
where the addition of an extra layer does not make the procedure more complex. From the
programming point of view, this is an enormous advantage.

The phase velocity provided by the dispersion equation can be used to determine the opti‐
mal guiding layer thickness, which provides a maximum sensitivity. This issue will be ad‐
dressed in Section 5.

4.3. LW sensor 3D FEM simulations

The models mentioned before, applied simplifying assumptions like considering the device
substrate as isotropic and neglecting the substrate piezoelectricity. This makes the models
far from the LW device reality. For a more accurate calculation of piezoelectric devices oper‐
ating in the sonic and ultrasonic range, numerical methods such as finite element method
(FEM) or boundary element methods (BEM) are the preferred choices [59]. The combination
of the FEM and BEM (FEM/BEM) has been used by many authors for the simulation of SAW
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devices [60]. Periodic Green’s functions [61] are the basis of this model. However, the
FEM/BEM only applies to infinite periodic IDTs and it is a 2 dimensional (2D) analysis.
Thus, this method is only an approximation of a real finite SAW device.

Simulations of piezoelectric media require the complete set of fundamental equations relat‐
ing mechanical and electrical phenomena in 3 dimensions (3D). The 3D-FEM can handle
these types of differential equations. The FEM formulation for piezoelectric SAW devices is
well explained in [59]. In general, the procedure for simulating LW devices using the 3D-
FEM is the following: 1) the 3D model of the device is build using a computer-aided design
(CAD)  software;  2)  the  3D model  is  imported  to  a  commercial  finite  element  software,
which allows piezoelectric analysis; 3) the material properties of the involved materials are
introduced in the software; 4) the convenient piezoelectric finite element is selected; 5) the
model is meshed with the selected finite element; and 6) the simulation is run in the soft‐
ware. As result the software obtains the particle displacements and voltage at every node
of the model.

Although 3D-FEM simulations are extremely useful tools for studying LW device electro-
acoustic interactions, LW simulations in real size are still a challenge. Delay lines in practice
are of many wavelengths and simulate them would require having too many finite ele‐
ments. Thus, further efforts are required in order to achieve simulations able to reproduce
real cases, which do not consume excessive computational resources. Nevertheless, some
authors have simulated scaled LW sensors using this method [62-65].

5. Sensitivity and limit of detection

A key parameter when designing a LW biosensor is the device sensitivity [13]. In general
terms, the sensitivity is defined as the derivative of the response (R) with respect to the
physical quantity to be measured (M):

0
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M
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D
= =

D
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It is possible to have different units of sensitivity depending on the used sensor response.
E.g. for frequency output sensors, frequency (R = f), relative frequency (R = f / f0), frequency
shift (R = f - f0) and relative frequency shift (R = ( f - f0 )/ f0) can be found, being f0 the non
perturbed starting frequency. Hence, four different possibilities of sensitivity formats are
possible, and therefore it is extremely important to mention which case is been used in each
application.

The sensitivity of LW sensors gives the correlation between measured electric signals deliv‐
ered by the sensor and a perturbing event which takes place on the sensing area of the sen‐
sor. A high sensitivity relates a strong signal variation with a small perturbation [32].
Depending on the used electronic configuration, the electrical signal measured in LW devi‐
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ces can be: operation frequency, amplitude (or Insertion Loss), and phase. From this signal,
and using the theoretical models, the phase velocity and group velocity can be obtained (see
Sections 4.1 and 4.2).

When the sensor response R is the phase velocity, and the perturbing event which takes
place on the sensing area is a variation of the surface mass density of the coating σ (σ=h ρC),
the velocity mass sensitivity Sv

σ of a LW device at a constant frequency is given by [32,66]:
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s
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=

¶ (20)

where vφ0 is the unperturbed phase velocity and vφ is the phase velocity after a surface mass
change.

Hence, Sv
σ has units of m2/kg. In Eq. (20) partial derivatives have been considered as the

phase velocity depends on several variables. The surface mass sensitivity reported for LW
devices in literature are between 150-500 cm2/g [45,67].

In sensor applications the phase velocity shift must be obtained from the experimental val‐
ues of phase or frequency shifts. For the closed loop configuration, where the experimental‐
ly measured quantity is the frequency, the frequency mass sensitivity Sf

σ is defined as:

0

1f dfS
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Jakoby and Vellekoop [66] noticed that the sensitivity measured by frequency changes in an
oscillator (Eq. (21)) differs from the estimated velocity mass sensitivity (Eq. (20)) by a factor
vg/vφ, since Love modes are dispersive. Thus, a typical 10% difference can be noted between
Sf
σ and Sv

σ.

For the open loop configuration, where the experimentally measured quantity is the phase,
the phase sensitivity  (also called gravimetric sensitivity) Sφσ in absence of interference is de‐
fined as:
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j
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where D is the distance between input and output IDT (see Figure 3) and kLz is the wave‐
number of the Love mode, therefore kLzD is the unperturbed phase φ0.

The theoretical mass sensitivity of LW devices, derived from the perturbation theory[55],
can be determined from the phase velocity according to [57]:
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where kLy is the wavenumber in the guiding layer (Eq. (16)) and kSy is the wavenumber in the
substrate (Eq. (24)). The minus sing in Eq. (23) indicates that the phase velocity of the pertur‐
bed event due to an increment in the surface mass density is less than the unperturbed
phase velocity (Δvφ = vφ- vφ0).
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The phase velocity can be obtained with the dispersion equation (see Figure 7) or transmis‐
sion line model. Once the phase velocity is known, the mass sensitivity curve can be ob‐
tained using Eq. (23). In Figure 8, the dependence of the sensitivity with the guiding layer
thickness for an AT-cut quartz/SiO2 Z’ propagating structure is depicted. A maximum mass
sensitivity Sv

σ of -39.44 m2/kg is observed at d/λ of 0.171 which corresponds to a d = 6.84 µm.
The phase velocity at d/λ = 0.171 is vφ = 4140 m/s (see Figure 7) which leads to a synchronous
frequency fs = vφ/λ = 103.5 MHz.

Figure 8. a) AT-cut quartz Z’ propagating /SiO2 mass sensitivity considering λ = 40 μm.

Thus, as mentioned previously, for very small thicknesses compared to the wavelength, the
acoustic field is not confined to the surface and deeply penetrates into the piezoelectric sub‐
strate, resulting in low mass sensitivity [68]. If the thickness is increased the sensitivity rises,
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Thus, as mentioned previously, for very small thicknesses compared to the wavelength, the
acoustic field is not confined to the surface and deeply penetrates into the piezoelectric sub‐
strate, resulting in low mass sensitivity [68]. If the thickness is increased the sensitivity rises,
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as the acoustic energy is more efficiently trapped in the guiding layer. However, an exces‐
sive increase in the guiding layer thickness leads to a reduction of wave energy density and
the mass sensitivity decreases [69]. Therefore, there is an optimal guiding layer thickness at
which a maximum mass sensitivity is achieved for a specific wavelength.

In those applications where a coating layer in contact with a liquid is deposited over the
sensing area, such is the case for biosensors, both changes in the surface mass density Δσ
and in the mass viscosity Δ(ρCηC)1/2 of the coating occur, due to the biochemical interaction
between the coating and the liquid medium. In this case, the sensitivity can be modeled by
the four components matrix shown in Eq.(25) [15]. These components relate shifts in surface
mass density and in mass viscosity to the measured electrical signals: phase shift φ and Inser‐
tion Loss (IL). The matrix components relate shifts of surface density Δσ and mass viscosity
Δ(ρη)1/2 to shifts of electrical phase Δφ and signal attenuation ΔIL. Notice that Sφ,σ is not the
same than Sφσ in Eq.(22).
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Generally, the high sensitivity of microacoustic sensors is closely related to the fact that they
show a high temperature stability (low TCF) and a large signal-to-noise ratio, which, in turn
yields low detection limits and a high resolution of the sensor [13]. The limit of detection
(LOD) is a very important characteristic of acoustic biosensors, since it gives the minimum
surface mass that can be detected by the device. It can be directly derived from the ratio be‐
tween the noise in the measured electrical signal Nf and the sensitivity of the device. For in‐
stance, in a closed loop configuration, this noise Nf is the RMS value of the frequency
measured over a given period of time in stable and constant conditions [32]. It is usually rec‐
ommended to measure a signal variation higher than 3 times the noise level in order to con‐
clude from an effective variation [70]. From this recommendation, it comes out that the LOD
is given by [32,71]:

min

3
LOD f

f

N

S fs

s
×

= =
×

(26)

where f is the operation frequency.

The  LOD  is  improved  by  minimizing  the  influence  of  temperature  on  the  sensor  re‐
sponse [13].  The stability with respect  to temperature can be achieved by implementing
temperature control in the biosensor system and choosing materials of low TCF, as seen
in Section 2.1.

Love Wave Biosensors: A Review
http://dx.doi.org/10.5772/53077

299



6. LW packaging and flow cells

Flow cells are usually constructed with an inlet at one side, an outlet at the other, and the
channels facing the sensor (see Figure 9). In most cases, a rubber seal is used for sealing, and
in LW flow-cells additional absorbers made with rubber materials at the ends of the IDTs
are recommended to improve the signal response (see Figure 9b). Factors such as the flow
cell design, flow patterns and flow-through system influence the binding efficiency and the
course of binding kinetics, resulting in possible variations of the true results [72].

The permittivity and the dielectric losses of the liquid medium, necessary in LW biosensors
applications, influence the propagation of Love modes, since this medium acts as an addi‐
tional layer. When the liquid medium is deposited over the device surface, the presence of
this medium over the IDTs modifies the electrodes transfer function [73]. Permittivity and
dielectric losses of the liquid lead to a corresponding change of the IDT input admittance,
which influences the amplitude of the signal. A flow–through cell is crucial to eliminate this
electric influence of the liquid. Such flow-cell isolates the IDTs from the liquid, confining the
liquid in the region between the IDTs (sensing area). LW device packaging or flow-cells gen‐
erally use walls to accomplish this purpose. These walls, when pressed onto the device sur‐
face, disturb the acoustic wave, resulting in an increase in overall loss and distortion of the
sensor response. Walls must be designed to minimize the contact area in the acoustic path in
order to obtain the minimum acoustic attenuation (see Figure 9c). It is known that the acous‐
tic wave is significantly affected when increasing the walls width [27] and that materials
used for these walls play an important role. Hence, great care must be taken to ensure that
the designed LW flow cells do not greatly perturb the acoustic signal. Recently, some re‐
searchers have explored different possibilities to achieve the packaging of LW sensors for
fluidic applications [27,74] and other authors have being exploring different LW flow-cell
approaches [53,75,76].

PDMS absorbers

PDMS seal

b) 

Inlet

Outlet

LW sensor

a) 

Sensing area PDMS seal

c) Inlet

Outlet

Transparent PMMA Aluminum

Figure 9. A developed LW flow cell for immunosensors application designed and fabricated by the authors of this
chapter [53]. a) Overview of the flow cell b) Microscope view through the PMMA of the LW sensor and flow cell ele‐
ments. c) PDMS square seal with pick end to minimize the contact area.
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Further improvements for LW biosensors flow cells can be achieved, since it is an entirely
new field and the development trends moves towards smaller flow cells which allows the
use of less analyte. For instance, investigation on the materials used for creating flow cells,
packaging, and flow patterns in microfluidic channels [72] would enhance LW performance
and move them faster to the lab-on-a-chip arena.

7. LW biosensors state-of-the-art

The first approaches employing LW for biochemical sensing were reported in 1992 by Ko‐
vacs et al. [77] and by Gizeli et al. [78], who first demonstrated the use of such devices as
mass sensing biosensors in liquids. However, it was not until 1997 that LW acoustic devices
were used to detect real-time antigen-antibody interactions in liquid media [46].

In 1999, a contactless LW device was built in order to protect electrodes from the conductive
and chemically aggressive liquids used in biosensing [79]. The advantage of this technique is
that no bonding wires are required.

In 2000, a dual channel LW device was used as a biosensor to simultaneously detect Legion‐
ella and E. coli by Howe and Harding [80]. In this approach a novel protocol for coating bac‐
teria on the sensor surface prior to addition of the antibody was introduced. Quantitative
results were obtained for both species down to 106 cells/mL, within 3 h.

In 2003, a LW immunosensor was designed as a model for virus or bacteria detection in liq‐
uids (drinking or bathing water, food, etc.) by Tamarin et al. [47]. They grafted a monoclonal
antibody (AM13 MAb) against M13 bacteriophage on the device surface (SiO2) and sensed
the M13 bacteriophage/AM13 immunoreaction. The authors suggested the potentialities of
such acoustic biosensors for biological detection. The same year, it was shown that mass
sensitivity of LW devices with ZnO layer was larger than that of sensors with SiO2 guiding
layers [48]. The authors of this work monitored adsorption of rat immunoglobulin G, obtain‐
ing mass sensitivities as high as 950 cm2/g. They pointed out that such a device was a prom‐
ising candidate for immunosensing applications.

An aptamer-based LW sensor which allowed the detection of small molecules was devel‐
oped by Schlensog et al. in 2004 [81]. This biosensor offers an advantage over immunosen‐
sors, since it does not require the production of antibodies against toxic substances. A LW
biosensor for the detection of pathogenic spores at or below inhalational infectious levels
was reported by Branch et al. in 2004 [20]. A monoclonal antibody with a high degree of se‐
lectivity for anthrax spores was used to capture the non-pathogenic simulant Bacillus thurin‐
giensis B8 spores in aqueous conditions. The authors stated that acoustic LW biosensors will
have widespread application for whole-cell pathogen detection.

Moll et al. developed an innovative method for the detection of E. coli employing an LW de‐
vice in 2007 [49]; it consisted of grafting goat anti-mouse antibodies (GAM) onto the sensor
surface and introducing E. coli bacteria mixed with anti-E. coli MAb in a second step. The
sensor response time was shorter when working at 37°C, providing results in less than 1
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hour with a detection threshold of 106 bacteria/mL. More recently, the same group described
a multipurpose LW immunosensor for the detection of bacteria, virus and proteins [82].
They successfully detected bacteriophages and proteins down to 4 ng/mm2 and E.coli bacte‐
ria up to 5.0 × 105 cells in a 500 µL chamber, with good specificity and reproducibility. The
authors stated that whole bacteria can be detected in less than one hour.

Andrä et al. used a LW sensor to investigate the mode of action and the lipid specificity of
human antimicrobial peptides [83]. They analyzed the interaction of those peptides with
model membranes. These membranes, when attached to the sensor surface, mimic the cyto‐
plasmic and the outer bacterial membrane. A LW immunosensor was used in 2008 by Bisoffi
et al. [84] to detect Coxsackie virus B4 and Sin Nombre Virus (SNV), a member of the hanta‐
virus family. They described a robust biosensor that combines the sensitivity of SAW at a
frequency of 325 MHz with the specificity provided by monoclonal and recombinant anti‐
bodies for the detection of viral agents. Rapid detection (within seconds) for increasing virus
concentrations was reported. The biosensor was able to detect SNV at doses lower than the
load of virus typically found in a human patient suffering from hantavirus cardiopulmonary
syndrome.

In 2009, it was shown the possibility to graft streptavidin-gold molecules onto a LW sensor
surface in a controlled way and was demonstrated the capability of the sensor to detect
nano-particles in aqueous media by Fissi et al. [85]. In 2010, a complementary metal–oxide
semiconductor CMOS-LW biosensor for breast cancer biomarker detection was presented by
Tigli et al. [36]. This biosensor was fabricated using CMOS technology and used gold as
guiding layer and as interface material between the biological sensing medium and the
transducer.

LW devices were used as sensors for okadaic acid immono-detection through immobilized
specific antibodies by Fournel et al. [76]. They obtained three times higher frequency shifts
with the okadaic acid than with an irrelevant peptide control line. A LW based bacterial bio‐
sensor for the detection of heavy metal in liquid media was reported in 2011 by Gammoudi
et al. [86]. Whole bacteria (E. coli) were fixed as bioreceptors onto the acoustic path of the
sensor coated with a polyelectrolyte multilayer using a layer by layer electrostatic self-as‐
sembly procedure. Changes of bacteria viscoelastic equivalent parameters in presence of
toxic heavy metals were monitorized.

A LW-based wireless biosensor for the simultaneous detection of Anti- Dinitrophenyl-KLH
(anti-DNP) immunoglobulin G (IgG) was presented by Song et al. in 2011 [87]. They used
poly(methyl-methacrylate) (PMMA) guiding layer and two sensitive films (Cr/Au). A LW
sensor whose phase shifts as a function of the immobilized antibody quantity, combined
with an active acoustic mixing device, was proposed by Kardous et al. [88] in 2011. They as‐
sessed that mixing at the droplet level increases antibodies transfer to a sensing area surface
and increases the reaction kinetics by removing the dependency with the protein diffusion
coefficient in a liquid, while inducing minimum disturbance to the sensing capability of the
Love mode. LW sensors have been also used to study the properties of protein layers [40],
DNA [89,90] and detect the adsorption and desorption of a lipid layer [91].
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Currently, the only commercial LW biosensor system available in the market is commercial‐
ized by the German company SAW instruments GmbH. The sensor system can achieve a limit
of detection (LOF) of 0.05 ng/cm2 with a sample volume of 40-80 µL. Senseor company (Mou‐
gins, France) has a commercially available microbalance development kit (SAW-MDK1)
which consists of a two-channel LW delay lines.

8. Trends and future challenges of LW sensors

LW biosensors have not been very well recognized by the scientific community [72] nor by
the market yet. This might be due to the technological hindrances found for applying this
device as biosensor, since it is sensitive to changes in the viscoelastic properties of the coat‐
ing, which complicates the results interpretation. Reports about applications where mass al‐
terations are separated from viscoelastic effects can enhance the acceptance of LW sensors
[72]. Hence, it is necessary to investigate different alternatives for carrying out the procedure
of parameters extraction with LW sensors. Nowadays, the trend is the placement of multi‐
ple, small, versatile sensors into a network configured for a specific location [10]. LW devi‐
ces will move into the lab-on-a chip arena during the next years. Nevertheless, LW devices
still have some hurdles to clear. LW biosensors packaging needs further development and
cost reduction. In addition, much research and efforts are still required addressing the fluid‐
ic technology issue. Integration and automation with electronics and flow cells reduce costs
of the system and increase the throughput. For a better performance of LW sensors, the com‐
bination with other detection methods such as optical [32] or chromatographic [92] are being
considered.

Mathematical modeling and simulations of these devices are also essential for the develop‐
ment of new sensors, especially with respect to the study of new materials and wave propa‐
gation [72]. Numerical calculations and FEM analysis of LW sensors could help for further
understanding of these devices.
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1. Introduction

The development of nanobiosensors dedicated to early disease diagnosis has an utmost
societal interest. The biosensors based on gold nanostructures are known to be efficient
and tunable [30, 43]. As an illustration, the objective of the European project Nanonatenna

(F5-2009 241818) under the “Health” research area of the seventh framework program, is
the development of a high sensitive and specific nanosensor based on extraordinary optical
signal enhancement dedicated to the in vitro proteins detection and disease diagnosis (cancer,
cardiovascular or infectious diseases). The diagnosis process is based on the in vitro detection
of the presence of small quantities of the target protein. The consortium of 12 partners works
on the design of nanoantennas to reach biosensor high sensitivity. For this, gratings of gold
nanoparticles are used to enhance locally the optical signal when excited by an adequate
illumination.

The underlying physical phenomenon is the localized surface plasmon resonance (LSPR). The
surface plasmon resonance is defined by Raether: “The electron charges on a metal boundary
can perform coherent fluctuations which are called surface plasma oscillations” [39].
According to [32], “Localized surface plasmons are non-propagating excitations of the
conduction electrons of metallic nanostructures coupled to the electromagnetic field. . . The
curved surface of the particles exerts an effective restoring force of the driven electrons, so
that a resonance can arise, leading to field amplification both inside and in the near-field
zone outside the particle.” The position of the LSPR can therefore be tuned by modifying the
shape and size of the nanoparticles. It can be adapted to the specific excitation of molecules
deposited on the nanoparticle surface, and the detection of a very few quantity is therefore
expected.
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A periodic arrangement of nanoparticles is used to increase the sensitivity of the biosensor.

The prolate and oblate exhibit LSPRs which are related to their asymmetry, leading to a

distribution of energy in different LSPR modes [21]. Coupling between transverse and

longitudinal LSPR occurs. To prevent this effect which could decrease the efficiency of the

biosensor, gratings of gold cylindric nanoparticles have been extensively studied [11, 19, 21–

23, 45]. In that papers, the tuning of the LSPR has been proved by varying the diameter of

nanocylinders or seldom their height.

Even if the fabrication process of nanodevices has been continuously improved and more

control and precision were achieved [25, 46], the process of deposition of metal on the

substrate is subject to incertitudes on the size of the nanostructures that are generally

rough. Moreover, a thin intermediate layer (chromium, titanium. . . ) is used to stick gold on

substrate. This adhesion layer is usually neglected in simulations, excepted in a few studies

for Surface Plasmon Resonance based biosensor [3, 6, 7], and in the case of cylinder-based

transducer [42]. Nevertheless in the theoretical and numerical studies, the roughness of the

gold nanostructures are neglected and the nanometric adhesion layer of gold on substrate is

rarely included.

This chapter is dedicated to the parametric study of a specific nanobiosensor, made of a

grating of gold nanocylinders deposited on a dielectric substrate and the goal is to investigate

the influence of adhesion layer and roughness on the position of the LSPR as a function of

the geometrical parameters of cylinders: their diameter D and height h. The first section is

devoted to the validation of the model by comparison to previous simulations with Finite

Difference Time Domain [42], and to experimental results [20, 21, 23]. The analysis of the

parametric study is given in section 3 and a method to deduce heuristic laws for the LSPR is

also proposed, before concluding.

2. The model

2.1. The biosensor

Figure 1 shows a schematic of the biosensor. All the parameters related to the experiments

can be found in [23]. A grating of gold nanocylinders is deposited on CaF2 substrate.

The distance between cylinders P is supposed to be fixed to 200 nm. Let us note that

the periodicity of the grating may influence the detected position of the LSPR [19, 28], in

particular in the case of an homogeneous-evanescent switch of a diffracted order [1, 12].

Experimental studies have shown that a variation of the period P + D = 200 ± 50 nm, leads

to a LPSR shift lower than 20 nm [20, p. 67], with D = 50 nm and a spectral investigation

from 575 nm to 680 nm. [19] observed a redshift of 14 nm observed when the interparticle

distance P was varied from 200 to 300 nm. Nevertheless this result cannot be generalized as it

may depend also on other parameters as the diameter and the height of cylinders. However

the influence of the uncertainties on the height and the diameter of nanocylinders on the

LSPR has still not been investigated. We focus on the systematic study of the position of

LSPR as a function of the diameter D and height h of the gold nanocylinders. The influence

of the thickness e of the adhesion layer and the roughness of surface are investigated.
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Figure 1. Biosensor: grating of gold cylinders with diameter D, height h and period P + D. The gold nanostructures are

deposited on a CaF2 substrate. A layer of Chromium of thickness e is used to improve adhesion of gold on CaF2.

The nanostructures are deposited on a CaF2 substrate through electron beam lithography
(EBL) and lift-off techniques. To achieve EBL, a 30 kV Hitachi S-3500N scanning electron
microscope (SEM) equipped with nanometer pattern generation system (NPGS, by J.C.
Nabity) are used [8]. The SEM images [20, 21, 23, 37] reveal the experimental sources of
uncertainties on the geometrical parameters in the process of fabrication:

• Height (h): the maximum uncertainty is δh = ±2 nm. This value is due to both the
roughness and the process of metal deposition. The SEM images and AFM (Atomic Force
Microscopy) scans reveal a nanometric roughness with RMS (root of mean square) lower
than one nanometer [20].

• Thickness (e): the maximum uncertainty is also δe ± 2 nm (same deposition technique),
but may depend on the thickness of the intermediate layer.

• Diameter (D): the maximum uncertainty is δD = ±20 nm. This value is relative to both
the fabrication and the resolution of the SEM [41] and to a drift of diameter and shape on
the whole grating. This last source of uncertainty is evaluated through statistics on the
SEM images and is compatible with that found in literature [29].

• Cylinders separation (P): the maximum uncertainty is the same as that on D, δP =

±20 nm, with some variations [19].

In the following, a numerical model (DDA) will be used to investigate the propagation of
uncertainties on the position of the LSPR.

The illumination comes parallel to the cylinder axis and is linearly polarized. The detection
of the LSPR is carried out in transmission, in the same direction (in the specular direction)
and in far field. Spectroscopic studies are experimentally performed and the maximum of
extinction over the incoming wavelengths λ0 is supposed to reveal the LSPR position [5]. It is
commonly admitted that the nanostructures scatter and absorb a part of the incoming light
and that the detected intensity in transmission reveals the extinction of the illumination by
the sample [9, 30].
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2.2. The numerical model

2.2.1. The Discrete Dipole Approximation method

The measurement of the LSPR is made in far field and is modeled as the maximum of the
extinction cross-section Cext(λ0) (nm2) with respect to the illumination wavelength λ0 [9, 30].
The extinction cross section is the sum of the scattering and absorption cross sections. It
corresponds to the rate of the total amount of incident electromagnetic energy abstracted
from the incident beam due to interactions with particles.

The DDA is widely used for absorption, extinction and scattering calculations by
nanoparticles [27] Cext [15, 16, 37]. Its accuracy was checked by comparison to analytical
solutions for spherical nanoparticles, ellipsoid [31], and infinite cylinder [16]. In what
follows, a brief description of this method and of the numerical tool are given.

The method was firstly developed by [13, 14] and [38]. The main idea is to discretize
the nanoparticle into a set of N elements or dipoles with polarizabilities αj, located at rj.
Each dipole has a polarization Pj = αjEj, where Ej is the electric field at rj induced by the
incident wave and the sum of the dielectric fields induced by interaction with other dipoles.
Consequently, a system of complex linear equations must be solved to find polarizations Pj

and evaluate the extinction cross section following [15, Eq. (8) p. 1493]:

Cext = Qextπ
D2

4
=

4πk0

|E0|
2

N

∑
j=1

{

Im
[

Pj.(α
−1
j )

∗
P
∗

j

]}

, (1)

with Qext, the extinction efficiency [9], k0 = 2π/λ0 the modulus of the wave vector and
E0 the amplitude, of the illumination monochromatic plane wave. Im is the imaginary part
of a complex number. Cext is written under the assumption of linearly polarized incident
light [15]. The method was extended to periodic structures by [34] and [10, 16].

2.2.2. Numerical parameters

The Fortran code DDSCAT 7.1, developed by Draine and Flatau, is used for calculating
extinction of light by irregular particles based on the DDA [17]. DDSCAT offers the
possibility of editing new shapes. Therefore, we edit the cylindrical shape to include the
adhesion layer and the roughness. To simulate a realistic roughness, a uniform probability
law is used to remove or to add a dipole from/to the surface, or to keep it unchanged.

Therefore, the root of mean square roughness is RMS=

√

(−2)2
+ 0 + 22

3
≈ 1.6 nm, that is

close to the RMS that can be observed in MEB images of samples in abundant literature and
websites.

The inter-dipole distance d = 2 nm is smaller than 2.6 nm that ensured the validity of the
calculations in [19]. The target precision for the inversion of the matrix of coupling between
dipoles is 10−3. The magnitude of the electric field at distance r from any dipole decreases
as a polynomial function of 1/r. [16] introduced the factor exp

[

−(γk0r)4
]

to vanish the
coupling between remote dipoles in a periodic lattice (with k0 = 2π/λ0 the modulus of the
illumination wave vector) and therefore increase the speed and accuracy of computation.
The cutoff parameter γ = 0.1 (which smoothly suppresses the influence of far dipoles in
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periodic structures) is chosen to achieve both sufficient accuracy in the investigated size
range of parameters, and a reasonable computational time over 12400 calculations. Indeed,
for each structure with given h, D, e and roughness, the computation of spectrum in the
range 550 nm to 850 nm of wavelength requires 31 evaluations of the model, if a precision of
10 nm is assumed sufficient for the LSPR spectral position.

The basis of the DDA being the discretization of materials, and therefore including the
thick substrate in the model would be expensive. Consequently, the surrounding medium
is modeled by an effective medium [24, 37] including the optical properties of the glass
substrate [33] and air:

ǫe f f ≈ (ǫair + ǫCaF2
)/2 = 1.5267 (2)

The relative permittivity of CaF2 (1.4332
= 2.0535) is considered as constant on the

whole investigated domain of wavelengths (λ0 ∈ [550, 850] nm). The effective medium
approximation may induce a blue-shift the LSPR [19], but the comparison with experimental
data is able to validate directly this approximation and the choice of the optical properties
for gold and chromium.

The optical properties of gold and chromium (the adhesion layer of thickness e) are the bulk
ones [26, 36]. Chromium is more absorbing than gold and therefore the extinction spectrum
is broadened and attenuated for Surface Plasmon resonance [7, 18, 35, 40] and nanostructured
biosensors [35, 42].

To perform a parametric study, the optimum of dicretization of the parameter space (D, h, e
λ0) must be determined, by a first evaluation of the propagation of experimental uncertainties
through the numerical model. The target is the position of the LSPR.

2.3. Propagation of experimental uncertainties on the position of the LSPR

The experimental uncertainties mentioned above (subsection 2.1) can help to define the step
size of D, h, e and λ0 in order to maintain the computational time of the parametric study
in a reasonable range and to obtain significant results. For this, we compute the propagation
of experimental uncertainties through the model to check their influence on the shift of the
LSPR. Two diameters are considered for this evaluation with the above described model:
D = 100 nm and D = 200 nm, near the boundaries of the investigated domain of the
parametric study. The height of cylinders is the reference in experiments h = 50 nm [23].
A step of 10 nm is used for the computations of the spectrum Cext(λ0). The cylinders are
supposed to have smooth surfaces. The corresponding uncertainty on the position of LSPR
(λ0(LSPR)) is therefore ±5 nm in the numerical calculations.

The combined uncertainty uB(λ0(LSPR)) on the LSPR shift can therefore be evaluated from
the above uncertainties of type B [44], by considering a priori uniform law of probability
within the above intervals and no correlation between these parameters. The following
results are obtained:

• D = 100 nm, h = 50 nm, P = 200 nm [23].

• For P ∈ [180; 220] nm, the shift of the LSPR position is ±5 nm.

• For D ∈ [80; 120] nm, the shift of the LSPR position is ±20 nm.

Nanostructured Biosensors: Influence of Adhesion Layer, Roughness and Size on the LSPR: A Parametric Study
http://dx.doi.org/10.5772/52906

315



6 State of the Art in Biosensors / Book 1

• For h ∈ [48; 52] nm, the shift of the LSPR position is ±30 nm.

• For e ∈ [0; 4] nm, the shift of the LSPR position is ±10 nm.

uB(λ0(LSPR), D = 100nm) =
1
√

3

√

52 + 202 + 302 + 102 = 21.8nm (3)

• D = 200 nm, h = 50 nm, P = 200 nm [23].

• For P ∈ [180; 220] nm, the shift of the LSPR position is ±20 nm.

• For D ∈ [180; 220] nm, the shift of the LSPR position is ±30 nm.

• For h ∈ [48; 52] nm, the shift of the LSPR position is ±10 nm.

• For e ∈ [0; 4] nm, the shift of the LSPR position is ±10 nm.

uB(λ0(LSPR), D = 200nm) =
1
√

3

√

202 + 302 + 102 + 102 = 22.4nm (4)

In both cases, uncertainties may produce a shift greater than ±20 nm within the investigated
range of diameters. The results show that h and D are critical parameters for small diameter
D = 100 nm. The influence of the uncertainty on the period seems to increase for larger
diameters. The combined uncertainty is stable, even if the sensitivity to each source of
uncertainty is not the same.

Consequently, the influence of the experimental uncertainties on the position of the LSPR
can be observed considering a sampling step of 10 nm for λ0. The corresponding uncertainty
on the position of LSPR (λ0(LSPR)) is therefore ±5 nm in the numerical calculations. The
evaluation of the experimental uncertainty (Eqs. 3 and 4) is used in the following.

The comparison of the model of smooth cylinders without adhesion layer and that with
roughness and e = 2 nm, for some diameters reveals that the chromium layer and a RMS
equal to 1.6 nm have also significant influence on the shift of the LSPR. For D = 100 nm,
the shift is −40 nm, for D =130, 150 nm, the shift is +10 nm, and for D = 180, 200 nm, the
shift is +20 nm. Therefore, the effect of these parameters on LSPR can be described with the
above mentioned sampling for λ0. Moreover, first trends emerge: the small cylinders exhibits
a different behavior of the large ones.

The following subsections are devoted to the validation of the model by comparison with
theoretical and experimental data.

2.4. Influence of the effective medium approximation

The comparison with other theoretical results may help to validate the proposed model of
effective medium. In this first comparison, the reference is a theoretical study of the influence
of a chromium adhesion layer with FDTD (Finite Difference Time Domain) method [42]. In
that reference, no roughness was introduced, the surface of cylinders was smooth, D =

100 nm and h = 50 nm. The period of the grating was D + P = 300 nm with P = 200 nm
(Figure 1). The relative permittivities were found in the same references [26, 36] and the
nanostructures were deposited on a glass substrate. The intermediate layer had thickness
0, 1, 5, 30 nm. The location of the LSPR in the absence of Cr occurs at λ0 = 586 nm with

State of the Art in Biosensors - General Aspects316



6 State of the Art in Biosensors / Book 1

• For h ∈ [48; 52] nm, the shift of the LSPR position is ±30 nm.

• For e ∈ [0; 4] nm, the shift of the LSPR position is ±10 nm.

uB(λ0(LSPR), D = 100nm) =
1
√

3

√

52 + 202 + 302 + 102 = 21.8nm (3)

• D = 200 nm, h = 50 nm, P = 200 nm [23].

• For P ∈ [180; 220] nm, the shift of the LSPR position is ±20 nm.

• For D ∈ [180; 220] nm, the shift of the LSPR position is ±30 nm.

• For h ∈ [48; 52] nm, the shift of the LSPR position is ±10 nm.

• For e ∈ [0; 4] nm, the shift of the LSPR position is ±10 nm.

uB(λ0(LSPR), D = 200nm) =
1
√

3

√

202 + 302 + 102 + 102 = 22.4nm (4)

In both cases, uncertainties may produce a shift greater than ±20 nm within the investigated
range of diameters. The results show that h and D are critical parameters for small diameter
D = 100 nm. The influence of the uncertainty on the period seems to increase for larger
diameters. The combined uncertainty is stable, even if the sensitivity to each source of
uncertainty is not the same.

Consequently, the influence of the experimental uncertainties on the position of the LSPR
can be observed considering a sampling step of 10 nm for λ0. The corresponding uncertainty
on the position of LSPR (λ0(LSPR)) is therefore ±5 nm in the numerical calculations. The
evaluation of the experimental uncertainty (Eqs. 3 and 4) is used in the following.

The comparison of the model of smooth cylinders without adhesion layer and that with
roughness and e = 2 nm, for some diameters reveals that the chromium layer and a RMS
equal to 1.6 nm have also significant influence on the shift of the LSPR. For D = 100 nm,
the shift is −40 nm, for D =130, 150 nm, the shift is +10 nm, and for D = 180, 200 nm, the
shift is +20 nm. Therefore, the effect of these parameters on LSPR can be described with the
above mentioned sampling for λ0. Moreover, first trends emerge: the small cylinders exhibits
a different behavior of the large ones.

The following subsections are devoted to the validation of the model by comparison with
theoretical and experimental data.

2.4. Influence of the effective medium approximation

The comparison with other theoretical results may help to validate the proposed model of
effective medium. In this first comparison, the reference is a theoretical study of the influence
of a chromium adhesion layer with FDTD (Finite Difference Time Domain) method [42]. In
that reference, no roughness was introduced, the surface of cylinders was smooth, D =

100 nm and h = 50 nm. The period of the grating was D + P = 300 nm with P = 200 nm
(Figure 1). The relative permittivities were found in the same references [26, 36] and the
nanostructures were deposited on a glass substrate. The intermediate layer had thickness
0, 1, 5, 30 nm. The location of the LSPR in the absence of Cr occurs at λ0 = 586 nm with

State of the Art in Biosensors - General Aspects316
Nanostructured Biosensors: Influence of Adhesion Layer, Roughness and Size on the LSPR: A Parametric Study 7

FDTD and λ0 = 590 nm with DDA. Therefore, we may conclude that the model of effective
index is relevant, for the considered sample. [42] showed that if the Chromium adhesion
layer is introduced, the spectrum curve is broadened and the maximum is blue-shifted, for
D = 100 nm. For example, the LSPR was found at 541 nm for e = 5 nm and between
570 nm and 600 nm with the DDA (this interval is determined from eight DDA results with
combinations of D = 90, D = 110 and e = 4, e = 6 nm). The blueshift of LSPR is less with
DDA and effective index than with FDTD. Therefore, the comparison with experiments can
help to decide on the ability of DDA to describe biosensors.

2.5. Validation of the DDA model with experimental data

The reference experimental data were published in [23, Fig. 2]. In that paper, the thickness of
chromium e = 3 nm and the height of cylinders is 50 nm, with above mentioned experimental
uncertainties. The computation of the position of the LSPR requires 31 computations of
the extinction cross-section Cext for λ0 ∈ [550; 850] nm. The smooth and rough samples
are considered for the model. The relevance of the numerical results relies on using the
experimental uncertainties to generate the corresponding intervals, for the position of the
LSPR.

It is well known that increasing the diameter D or decreasing the height h of cylinders
redshift the LSPR [37]. The above mentioned theoretical study [42] and our results show that
including the adhesion layer blueshifts the LSPR for D = 100 nm. Therefore, the boundaries
of the numerical results are chosen to find the minimum and the maximum of the LSPR
position, according to the above mentioned sampling steps. For example, for experimental
data with e = 3 nm, D = 100 nm, h = 50 nm, the interval of possible numerical position of
LSPR is [λ0(LSPR, e = 4, D = 90, h = 52nm); λ0(LSPR, e = 2, D = 110, h = 48nm). In Figs. 2
and 3, the computed LSPR is between the dashed and the solid lines for smooth (blue) and
rough (red) structures.

Figure 2. Experimental values (dashed black line) (h = 50, e = 3 nm) and uncertainties (gray, Eqs. 3 and 4), by courtesy of
Nicolas Guillot and Marc Lamy de la Chapelle [23]. Extremal DDA results for smooth and rough structures, obtained by using

experimental uncertainties on e and h.

Figure 2 shows a better agreement of simulation with rough surface than with smooth surface
over the interval of diameters. The LSPR position for smooth cylinders is clearly blueshifted
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and does not fall within the interval of experimental uncertainties. For D = 100 nm,
h = 50 nm, P = 200 nm (Fig. 1), DDA gives λ0(LSPR) ∈ [603; 628] which is closer to
experiments [23] (λ0(LSPR) = 615 nm) than FDTD [42], where the LSPR was found between
541 nm (e = 5 nm) and 583 nm (e = 1 nm).

To evaluate the sensitivity of the results obtained by DDA with h, reference experimental
data are extracted from [20] with D = 100 nm. Again, the agreement of experimental data
with the numerical results for rough structures is better than for smooth ones. Both studies of
LSPR position as a function of D and h show that the roughness produces a redshift, which
is necessary to reproduce the experimental data, especially for the largest heights. This effect
could also explain the blueshift obtained by [42] with smooth structures.

Figure 3. Experimental data from [20] (dashed line) (D = 100 nm, e = 3 nm) and uncertainty uB = ±20 nm. Extremal DDA
results for smooth and rough structures, obtained by using experimental uncertainties on e and D.

For each diameter D (Fig. 2) or height h (Fig. 3), the difference of LSPR between the dashed
and solid lines can be considered as an evaluation of the sensitivity of the LSPR to the
uncertainty on the thickness of chromium and on the size of structures. For all diameters the
sensitivity is lower than 20 nm.

The comparisons of numerical results to experimental data show that the rough model with
adhesion layer is more efficient to describe the experiments on a wide range of parameters.
Moreover, the model of effective index for the external medium and the choice of the
relative permittivities of gold and chromium seem to be adequate, as well as the exogenous
parameters of the DDA (d, γ). Therefore, the proposed model can be used to provide full
parametric study of the biosensor.

3. Parametric study

According to the experimental uncertainties, we have chosen an adapted sampling of each
parameter of the model in subsection 2.3. The good agreement with the experimental
data shown in the previous section confirms also the adequate choice of the exogenous
parameters: the inter-dipole distance d, the cutoff parameter γ, the target precision of matrix
inversion 10−3, and the relative permittivities [26, 36]. The effective relative permittivity of
the surrounding medium is given in Eq. 2.
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Consequently, a systematic study of the LSPR position and its quality is produced for

a class of nanostructured biosensors with cylindrical shapes. The quality of LSPR is

given by the maximum over the spectral range of the extinction cross-section (Cext):

max
λ0

Cext(D, h, e, RMS) or its relative dimming. The relative variation ∆rCext of the quality of

the plasmon corresponds to the attenuation of the LSPR:

∆rCext = 100

max
λ0

(Cext(e))− max
λ0

(Cext(0))

max
λ0

(Cext(0))
(5)

The influence of size parameters (D, h) for various adhesion layer (e) and roughnesses (RMS),

on the tuning of the plasmon resonance is proposed.

The LSPR position and its quality are plotted in color levels, as functions of the height h and

the diameter D. For the plots of the LSPR position (λ0(LSPR)), the colors of rectangles are

chosen to be close to the real colors [2] in the visible domain and vary from black to light

pink for the near infrared. When the position of the LSPR is out off the considered range of

wavelengths [550; 850] nm, a white rectangle is plotted.

The influence of the adhesion layer and of the roughness are successively investigated.

3.1. The adhesion layer

Figures 4 show the position of the LSPR and the maximum value of Cext for an adhesion

layer of thickness e = 2, 4 and 6 nm. The maximum of Cext is linked to the quality of the

LSPR: the sensitivity of the biosensor is expected to be improved with the increase of the

extinction cross-section. Increasing the thickness e produces a broadening of the spectrum

which results in a decrease of max(Cext) and therefore of the quality of the LSPR as defined

above.

For the three thicknesses of chromium the position of the LSPR is about the same but the

quality of LSPR is deteriorated if e growth. The position of the LSPR is redshifted if the

diameter D of cylinders is increased. This conclusion was underlined in [23]: “Indeed, as

it is well known, the position of the LSPR is redshifted for higher diameter”. The height

h influences also the position of the LSPR: for a given diameter, if h increases, the LSPR

is blueshifted. These conclusions are also consistent with previous studies of cylindrical

nanorods [37].

The LSPR shift (nm) and ∆rCext are displayed in Fig. 5. Even if the LSPR shift may be

considered as negligible with regards to the influence of the uncertainties of fabrication, the

relative attenuation of the LSPR can reach more than 45% for the smallest D and h. Therefore,

the adhesion layer cannot be neglected if the efficiency of the biosensor is targeted. The

chromium (and all adhesion layers) being more absorbing, it deteriorates the efficiency of

the biosensor and therefore, its thickness should be reduced as much as possible.
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Figure 4. Numerical parametric study of the cylinder based biosensor: position of the LSPR (λ0(LSPR)) and its quality illustrated

by the maximum of Cext (nm
2) as functions of the diameters D and heights h of the nanocylinders, for different thicknesses of

the adhesion layer e = 2, e = 4 and e = 6 nm.

3.2. The roughness

A similar set of simulations could reveal the influence of the roughness (Fig. 6).

The roughness has less influence on the quality of plasmon than e. This influence decreases
when D and h increases. The relative influence of the roughness decreases if the thickness e

of the adhesion layer increases and becomes lower than 20% if e > 4 nm. In the case of pure
gold (e = 0 nm), the roughness induces a decrease (less than 20%) of max(Cext) for small
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Figure 5. Numerical parametric study of the cylinder based biosensor: shift of the position of the LSPR ∆λ0(LSPR) (nm) and

its quality ∆rCext (Eq. 5) as functions of the diameters D and heights h of the nanocylinders, for thicknesses of the adhesion

layer e = 2, e = 4 and e = 6 nm, with reference to e = 0.

diameters and small height, and an increase (also less than 20%) for larger values of D and
h. The redshift of the LSPR can reach 40 nm for small heights and average diameters. This
effect can be explained by the increase of the ratio of the area of rough surface of the cylinder
to its height. The effect of the roughness is reduced when the volume of cylinder increases.
The shift of the LSPR becomes negligible for the highest and largest cylinders. The LSPR is
redshifted in almost all the cases, when roughness is introduced. The redshift is smaller than
40 nm for all the investigated adhesion layers.
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Figure 6. Numerical parametric study of the cylinder based biosensor: shift of the position of the LSPR ∆λ0(LSPR) (nm) and

its relative quality ∆rCext (Eq. 5) as functions of the diameters D and heights h of the nanocylinders, for thicknesses of the

adhesion layer e = 2, e = 4 and e = 6 nm, with reference to the smooth structure.

The diameter D and the height h seem to be linearly connected for a given LSPR position as
it can be observed in Fig. 4. This linear behavior can lead to heuristic law which can be used
to study the propagation of uncertainties.

State of the Art in Biosensors - General Aspects322



12 State of the Art in Biosensors / Book 1

Figure 6. Numerical parametric study of the cylinder based biosensor: shift of the position of the LSPR ∆λ0(LSPR) (nm) and

its relative quality ∆rCext (Eq. 5) as functions of the diameters D and heights h of the nanocylinders, for thicknesses of the

adhesion layer e = 2, e = 4 and e = 6 nm, with reference to the smooth structure.

The diameter D and the height h seem to be linearly connected for a given LSPR position as
it can be observed in Fig. 4. This linear behavior can lead to heuristic law which can be used
to study the propagation of uncertainties.

State of the Art in Biosensors - General Aspects322
Nanostructured Biosensors: Influence of Adhesion Layer, Roughness and Size on the LSPR: A Parametric Study 13

4. Heuristic law for LSPR

4.1. The LSPR λ0(LSPR)(D, h)

For both thicknesses of the chromium adhesion layer e = 2 and e = 6 nm, the position of
LSPR is about the same when both D and h are varied respectively by 20 nm and 10 nm, with
P = 200 nm, and a roughness of RMS= 1.6 nm. The resulting behavior law can be deduced
from the parametric study: a steady position of the LSPR is observed, if the following law
between D (nm) and h (nm) is satisfied:

D(P = 200, e = 2 − 6) = ah + b ≈ (0.0084λ0(LSPR)− 3.86)h + (0.319λ0(LSPR)− 160) (6)

This law is deduced from the least square fit of the results of the parametric study, simply
by computing the slope and the intercept of D as a function of h for each LSPR position, and
then by finding the linear dependence of a and b on the LSPR position λ0(LSPR). A similar
approach was used to characterize the near-field optical microscopes and the evanescent
near-field around nanostructures [1, 4]. The method uses a robust fit of the results of the
parametric study. The algorithm uses iteratively reweighted least squares with the bisquare
weighting function (Matlab).

Figure 7 shows the plots of Eq. 6, superimposed on figures 4. The linear behavior of D

as a function of h is dependent on the LSPR position. Equation 6 helps to determine the
geometrical parameters (D and h) of the biosensor to adjust the LSPR to a given wavelength.

Figure 7. Plots of D as a function of h for λ0(LSPR) ∈ {600; 640; 680; 720; 760; 800} from Eq. 6.

Similarly, the position of the LSPR (nm) can be deduced from Eq. 6 as a function of D (nm)
and h (nm):

λ0(LSPR) ≈
160 + D + 3.86h

0.319 + 0.0084h
(7)
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A comparison of the simple model (Eq. 7) and experimental data in [21] shows a good
agreement. Equation 7 seems to be a good approximation of the variation of the LSPR as a
function of the geometrical parameters D and h, for a grating of rough gold cylinders with
adhesion layer (e = 2 nm) and P = 200 nm (Fig. 1). The specific case of homothetic cylinders
with h = D, removes a degree of freedom and leads to a simpler formula:

λ0(LSPR, h = D) =
160 + 4.86D

0.319 + 0.0084D
(8)

This formula is strictly valid in the interval h = D ranging from 50 to 70 nm, by cons it
should still be checked for greater heights.

Asymptotic form of λ0(LSPR) could be of interest especially for specific aspect ratio of the
cylinder. For example, for nanodiscs (h << D), the position of the LSPR can be deduced
from the series of Eq. 7.

λ0(LSPR, h << D) = (501 + 3.1D)− (0.0825D + 1.1)h + o[(h/D)
2
], (9)

where o[(h/D)
2
] represents omitted terms of order higher than 2 in the series.

This equation confirms that the correction induced by the height assuming a small aspect
ratio h/D is a blueshift of the LSPR, whatever are the diameters D. These formula can
be used to select the best parameters for a given LSPR position. Another interest of these
simple laws is the fact that propagation of uncertainties of the fabrication process can be
evaluated directly, and therefore, the sensitivity analysis of LSPR position on the geometrical
parameters h and D can be deduced, at least within the investigated domain of geometrical
parameters and wavelengths. This sensitivity analysis is conducted in what follows.

4.2. Sensitivity of LSPR to uncertainties on size parameters

The propagation of uncertainties and the sensitivity analysis of a process or a physical
phenomenon helps to improve the fabrication process of any device, by exhibiting the
parameters that should be controlled first. Indeed the identification of critical parameters
which uncertainty should be reduced is relevant, for a challenging improvement of
technology.

First, the propagation of experimental uncertainties of fabrication can be deduced from the
derivative of Eq. 7. The uncertainty on λ0(LSPR) is deduced form the uncertainties on D

(u(D)) and h (u(h)) [44, 5.1.2]:

u(λ0(LSPR)) =

√

(

∂λ0(LSPR)

∂D

)2

u2(D) +

(

∂λ0(LSPR)

∂h

)2

u2(h), (10)

where the partial derivatives are called sensitivity coefficients. Using Eq. 7 gives:
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Knowing the experimental uncertainties on h and D, the uncertainty on the LSPR can be
deduced. The sensitivity coefficients Sh and SD can be used to evaluate the effect of the
experimental dispersion of values of D and h around a mean value. SD is almost independent
of h and equal to 3. Regarding Sh and within the same approximation Sh ≈ 1.107 + 0.082D.
Therefore, in the investigated domain of D, Sh ∈ [5.2; 21.6]. The uncertainty on h must be 7
times smaller than that on D to balance the contributions of each uncertainty to the overall
uncertainty. This condition is becoming increasingly critical as the diameter D of cylinders is
increased. Fortunately, the control on the thickness of gold deposition (height of cylinders)
is about ±2 nm and that of diameters is about ±20 nm. In this case, the uncertainty on the
LSPR position remains lower than 30 nm for all diameters if h > 40 nm (Fig.8).

Figure 8. Uncertainty on the position of the LSPR computed from the heuristic law (Eq. 11) deduced from the least square fit

of the parametric study results. The parameters of the model are P = 200 nm with roughness (rms = 1.6 nm) and chromium
adhesion layer (e = 2 − 6 nm).

Figure 9 gathers the experimental results retrieved from [23] with experimental uncertainties
(gray domain and) the heuristic law deduced from Eq. 7 with uncertainties (Eq. 10). The
good agreement between experimental results and the heuristic model with associated
uncertainties can be observed. The heuristic model fits well the experimental data and the
uncertainties deduced from Eq. 11 are coherent with the experimental ones.

In this section, we have obtained an heuristic law to describe the link between the position
of the LSPR and the size parameters D and h of the cylinders. This law seems to be valid for
an adhesion layer of chromium of thickness e = 2 − 6 nm. Moreover, the simplicity of this
law helps to determine a first approximation of the size of the cylinder, as well as the effect
of the propagation of experimental uncertainties on the position of the LSPR.
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Figure 9. Experimental data retrieved from [23, Fig. 2] (h = 50 nm, e = 3 nm, P = 200 nm) (black) with uncertainties (gray).
Heuristic model deduced from the numerical parametric study of gold nanocylinder grating (red curve) with P = 200 nm,
h = 50 nm, RMS 1.6 nm and chromium adhesion layer (e = 4 nm).

5. Conclusion

A model based on the Discrete Dipole Approximation (DDA) is used for a parametric study
of the biosensors made of a grating of nanocylinders. The Localized Surface Plasmon
Resonance (LSPR) is modeled by the position of the maximum over the spectrum of the
extinction cross-section. The investigated parameters are the height h, the diameter D,
the thickness e of the chromium adhesion layer, and the roughness of the nanocylinders.
Thin adhesion layers slightly modify the position of the LSPR but degrade significantly
its quality: the sensitivity of the biosensor can be highly decreased. Roughness induces a
redshift of the LSPR but less alters the quality of the resonance than the adhesion layer.
The relative influence of h and D is more complex. Actually, if D increases, a redshift is
always observed. The same effect occurs if h decreases. Consequently the fine tuning of the
LSPR can be achieved by varying D or h, assuming a fixed distance between cylinders (P).
This property helps to deduce heuristic laws for the LSPR position and the propagation of
uncertainties. The basic law, deduced from a least square fit, gives simply an approximation
of the position of the LSPR as a function of D and h. The agreement with experimental
results [21, 23] is satisfactory, falling within the experimental uncertainties of fabrication.
Therefore the heuristic law of behavior of the LSPR position can be used with confidence (for
P = 200 nm). Varying the period P + D of the grating of nanocylinders could be of interest.
The characterization of the LSPR being clarified, the influence of the functionalization layer
will be the object of future studies.
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Chapter 13

Calibrating Biosensors in Flow-Through Set-Ups:
Studies with Glucose Optrodes

K. Kivirand, M. Kagan and T. Rinken

Additional information is available at the end of the chapter

http://dx.doi.org/10.5772/54127

1. Introduction

The research and development of selective analytical systems, not requiring pre-treatment
of samples and rapidly providing information in real time, is receiving increasing attention
in various areas of human life (Chen et al, 2011;Palmisano et al, 2000;Maestre et al, 2005;Jia et
al, 2004;Surareungchai et al, 1999;Tsai & Doong, 2005;Gülce et al, 2002;Akin et al, 2011;Mishra
et al, 2012). For example, as environmental pollution poses a serious threat to the human
health, there is an urgent demand to monitor pollutants and initiate appropriate environ‐
mental pollution treatment in the real time course. In the field of food quality control, the
product quality and healthiness are the main factors, influencing customer satisfaction. The
number of food processing and manufacturing mistakes can be minimized with risk assess‐
ment and continuous checking of the production process, e.g. in dairy farms, it is necessary
to control the quality of raw milk on site in order to detect the presence of the residues of
different antibiotics and other potentially harmful compounds before loading milk into the
dairy production process.

On-site monitoring requires enhanced sensitivity, selectivity, rapidity, and ease of operation
of the analytical equipment, which should provide reliable continuous information in real-
time and demonstrate sufficient stability of action. Biosensors fulfil all the above-mentioned
requirements and have already been applied in clinical diagnostics, food quality control, for‐
ensic chemistry, environmental monitoring and other areas (Castillo et al, 2004;Reder-Christ
& Bendas, 2011;Kivirand & Rinken, 2011).

According to the IUPAC definition, a biosensor is a self-contained, integrated receptor-
transducer device, which is capable of providing selective quantitative or semi-quantitative
analytical information and which uses a biological recognition element (bio-receptor) and a
transducer in direct special contact (Thevenot et al, 2001). A biosensor consists of three parts:
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(1) the sensitive biological element (such as tissues, microorganisms, cell receptors, enzymes,
antibodies, nucleic acids, etc.); (2) the transducer or the detector element (physiochemical,
optical, piezoelectric, etc.) that transforms the signal, resulting from the interaction between
the analyte and the biological element into another signal that can be measured and quanti‐
fied; and (3) associated electronics or signal processors that are primarily responsible for the
display of the results in a user-friendly way. All these three parts are associated with an in‐
formation management system. The principle of biosensors is shown in figure 1.

Figure 1. The principle of biosensor systems.

Enzyme-based biosensors technology relies upon the natural specificity of a given enzymat‐
ic protein to act selectively on a target analyte or group of analytes. Enzymes are catalysts
bearing some excellent properties that may permit to perform the most complex chemical
processes under the most benign experimental and environmental conditions. Enzyme-
based biosensors have emerged as a valuable technique for qualitative and quantitative
analysis of a variety of target analytes. Although biosensors based on other biorecognition
elements are rapidly progressing, enzyme biosensors are still the ones most frequently used
for practical applications and as model systems in scientific studies. There are several ad‐
vantages of enzyme-based biosensors: a known reaction mechanism, a stable bio-renewable
source of material and possibilities to modify the catalytic properties or substrate specificity
by means of genetic engineering or to use catalytic amplification by the modulation of en‐
zyme activity with respect to the target analyte (Castillo et al, 2004;Hu et al, 2011).

For the implementation at industrial scale, the properties of enzymes have to be improved
further, as soluble enzymes should be immobilized for their multiple utilizations. The im‐
mobilization of enzymes and the choice of an insoluble carrier are important features in de‐
signing the biorecognition part of enzyme-based biosensors. Various immobilization
strategies can be envisioned: adsorption, entrapment, covalent cross-linking or affinity (Sas‐
solas et al, 2012;Cao, 2005;Mateo et al, 2007;Gibson, 1999). In some cases, enzyme immobili‐
zation protocols are also based on the combination of several immobilization methods: for
example, an enzyme can be pre-immobilized on a carrier by adsorption, affinity or covalent
bonding before further entrapment into a porous polymer. Biosensors based on immobilized
enzymes have good operational and storage stability, high sensitivity and selectivity, good
reproducibility and additionally, as enzyme immobilization reduces the time of enzymatic
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response, these biosensors can be easily used in continuous-flow and flow-through systems
(Sassolas et al, 2012;Yang et al, 2010;Castillo et al, 2004;Cao, 2005).

The other moiety of a biosensor is the signal transduction system, which can be based on the
measurement of electrochemical, magnetic, piezoelectric, thermometric or optical signals
(Mehrvar & Abdi, 2004;Mello & Kubota, 2002;Sarma et al, 2009;Castillo et al, 2004). Among
the above-mentioned systems, fibre-optic sensors are gradually achieving popularity. In
comparison with electrochemical transducers, they do not consume any analytes and are in‐
sensible to electrical or magnetic interference (in fact, the oxygen detection capability has
been demonstrated on single luminescent molecules) (D.R.Walt, 2006;Leung et al, 2007). Flu‐
orescence measurements can be used whenever a fluorescent analyte is detected. Naturally
fluorescent compounds are not common in biosensor development and the technique is usu‐
ally applied in combination with artificially labelled compounds. Fluorescence is applied,
for instance in biosensors with oxidase-type enzymes, which catalyze the consumption of
oxygen, resulting the decrease in the luminescent signal of a fluorescent dye attached to the
surface of an optical fibre. Besides a direct detection of the analyte of interest, the optical bio‐
sensor format may also involve indirect detection through optically labelled probes. Optical
transducers may detect changes of absorbance, luminescence, polarization or refractive in‐
dex and can be adapted for the assembly of different enzyme-substrate systems. For exam‐
ple, using a fibre-optic sensor assay which senses pH changes, Viveros et al. have
demonstrated a rapid detection of organophosphates (insecticides and potent neurotoxins)
(Viveros et al, 2006) and Bidmanova et al. developed an enzyme-based fibre-optic biosensor
by co-immobilization of purified enzyme and a fluorescent pH indicator (Bidmanova et al,
2010). Polster et al. have immobilized enzymes onto an array of optical fibers for use in the
simultaneous detection of penicillin and ampicillin. These biosensors employ an interfero‐
metric technique based on following the shifts in the reflectance spectrum, caused by the pH
changes of the solution during the penicillinase - catalyzed hydrolysis of the analytes, peni‐
cillin and ampicillin (Polster et al, 1995).

The incorporation of an optical  fibre into a biochemical  sensor results  in several  advan‐
tages:  (1)  numerous  optically  based  methods  are  available  for  chemical  analysis,  as  al‐
most  every  chemical  analyte  can  be  determined  by  measuring  its  spectroscopic
properties;  (2)  fibres can be used to transmit light over long distances;  (3)  fibres have a
multiplex  capability  (because they can guide light  of  different  wavelengths  at  the  same
time and in different directions, multiple- or single-analyte monitoring in single locations
can  be  performed  with  a  single  central  unit);  (4)  fibres  can  be  used  in  harsh  environ‐
ments  and  are  immune  to  electric  or  magnetic  interferences,  and  so  can  be  safer  than
electrochemical biosensors; (5) fibres can be easily miniaturized at low cost (6) fibres can
be  made  biocompatible  and  thus  used  for  in-vivo  measurements;  (7)  a  light  guide  can
carry more information than electric wire; and (8) the temperature-dependence of the fi‐
bre is lower than that of common electrodes (Marazuela & Moreno-Bondi, 2002).

Some drawbacks of optical-fibre sensors can limit their applicability: (1) interference of am‐
bient light, although this can be avoided by use of suitable light isolation or modulated light
sources; (2) background absorbance or fluorescence of the fibre itself; (3) long response times
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if mass transfer to the reagent phase is needed; and (4) limited availability of optimized
commercial accessories for use with optical fibres (Marazuela & Moreno-Bondi, 2002).

Fibre-optic sensors are a perspective replacement of wide-spread Clark-type amperometric
sensors for the detection of oxygen, although the application of oxygen measuring is hindered
due to their sensitivity to oxygen fluctuations in natural samples (Li & Walt, 1995). To over‐
come the problem of the variability of oxygen concentrations, a two-sensor (or dual-sensor) ap‐
proach with a reference sensor included in the system can be used. Pasic et al. have used a
microdialysis-based glucose-sensing system based on a fibre-optic hybrid sensor (Pasic et al,
2006; Pasic et al, 2007). They used a reference oxygen optrode to detect and compensate re‐
sponse changes caused by side events, like bacterial growth, temperature fluctuations or fail‐
ure of the peristaltic pump. The constructed sensor was evaluated in vitro using a 3-day
continuous testing. As a result, they found that all glucose readings were clinically accurate
and acceptable. With the purpose of analyzing complex biological samples without the need
for any sample pre-treatment, Chen et al. developed a thermal based flow injection biosensor
system, where a reference column was used to detect the non-specific thermal response (Chen
et al, 2011). This sensor system was used to detect urea and lactate in non-standard milk prod‐
ucts (such as lactose free milk). They found that when using that kind of biosensing systems, it
was not necessary to remove the interfering compounds during milk analysis. The sensitivity
and accuracy of the analysis were in the ranges required by the dairy industry.

One of  the key problems of  real-time measurements  is  the calibration of  the measuring
system and the management of data acquisition to obtain the results as quickly as possi‐
ble. It is common in biosensor studies that the only information used, is the steady-state
output (or the presumed 95% of it, the value of T95) (Baker & Gough, 1996). Unfortunate‐
ly,  the determination of  the value of  T95  is  often imprecise because of  the difficulties  in
estimating the attainment of steady state – thus there is an urgent need for exact model‐
ling of  processes  taking place in  different  set-ups of  experimental  measurements  (Baker
&  Gough,  1996;Li  &  Walt,  1995;  Lammertyn  et  al,  2006;Baronas  et  al,  2011).  Measure‐
ments in continuous-flow systems require additional consideration of the flowing effects,
both laminar and turbulent,  in the biosensor output signal.  The nature of  the flow pro‐
file of the plug of solution introduced into the flowing stream of carrier solution is nor‐
mally affected mainly by laminar flow. The resistance between solution and the wall  of
the  tubing  causes  the  solution  to  travel  slower  near  the  wall  of  the  tubing.  However,
some reports demonstrate that laminar flow in the small tubing does not have much ef‐
fect on distortion of the zone to the point that affects the accuracy of kinetic studies (Ko‐
nermann, 1999;Zhou et al, 2003;Hartwell & Grudpan, 2012).

The utilization of biosensors in continuous-flow manifolds allows samples to be manipu‐
lated or modified as required for the execution of various operations such as separation,
automatic  dilution  or  pre-concentration,  or  some kind  chemical  or  biochemical  reaction
prior to the final detection step (Hansen, 1996). It is also necessary to distinguish clearly
between continuous-flow biosensing (referred to  as  “sensor  system”)  systems and flow-
through biosensors. The primary difference between these two systems lies in whether or
not the detection of  the analyte of  interest  is  performed simultaneously with other ana‐
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automatic  dilution  or  pre-concentration,  or  some kind  chemical  or  biochemical  reaction
prior to the final detection step (Hansen, 1996). It is also necessary to distinguish clearly
between continuous-flow biosensing (referred to  as  “sensor  system”)  systems and flow-
through biosensors. The primary difference between these two systems lies in whether or
not the detection of  the analyte of  interest  is  performed simultaneously with other ana‐

State of the Art in Biosensors - General Aspects334

lytical steps (chemical reaction, separation, or both) in the continuous system. Thus in a
continuous-flow  sensor  system,  the  biochemical  reaction  takes  place  before  the  sample
has reached the flow cell for detection, while the flow-through biosensors involve the de‐
velopment of either the overall  process or only the last  step of the biochemical  reaction
in the flow cell (Hansen, 1996).

The properties of a continuous-flow biosensor must meet the requirement of being able to
follow the maximal anticipated concentration fluctuations within a specific acceptable error
(Baker & Gough, 1996). In the flow systems the biosensor contacts the substrate for a short
time only. When the analyte disappears, a buffer solution swills the enzyme surface, reduc‐
ing the substrate concentration at this surface to zero. Because of (analyte) remaining in the
enzyme membrane substrate, the mass diffusion as well as the reaction still continues for
some time even after the disconnection of the biosensor and substrate (Baronas et al, 2002).
Compared to a batch system, the flow system present the advantages of the reduction in
analysis time allowing a high sample throughput and the possibility to work with small vol‐
umes of the substrate (Baronas et al, 2002;Baronas et al, 2011). The flow arrangement also
presents a wide response range and high sensitivity. While modelling a biosensor in a flow‐
ing system, it is of crucial importance to take into consideration the external diffusion limita‐
tions, because of the mass transport outside the enzyme region (Baronas et al,
2011;Ivanauskas & Baronas, 2008;Baronas et al, 2002).

Recently, the interest of constructing the fibre-optic flow biosensing systems is growing and
these are mostly made for glucose monitoring (Pasic et al, 2007; Pasic et al, 2006;Zhu et al,
2002;Akin et al, 2011). Usually glucose oxidase is selected as a model enzyme in biosensing
systems because of its low cost, stability and high solubility in different medium. Glucose
oxidase is an enzyme which catalyzes the oxidation of β-D-glucose by molecular oxygen to
δ-gluconolactone, which subsequently hydrolyzes to gluconic acid and hydrogen peroxide
(Bankar et al, 2009). The enzyme is also of considerable commercial importance, as it is used
in the removal either of glucose or oxygen from food products and in the production of glu‐
conic acid. The most important application of glucose oxidase is as a molecular diagnostic
tool. The enzyme is used in biosensors for the quantitative determination of D-glucose in
various samples of natural origin, such as body fluids, foodstuff, beverages, and fermenta‐
tion products (Bankar et al, 2009).

The aim of the present research was to study the modelling of a biosensor response and to
propose optional biosensor calibration parameters in a flowing medium. We used a glucose
optrode, which was a dual-sensor system, enabling to eliminate the fluctuations in the initial
dissolved oxygen concentration, temperature and fluidic flow. The system consisted of two
oxygen optrodes, one covered with glucose oxidase-containing nylon thread and the other
with a similar, but “blank” thread, which were placed into isolated parallel flow channels.
Glucose biosensor was selected for these studies as the bioactive compound of this biosen‐
sor; enzyme glucose oxidase is a well-characterized robust enzyme of high stability and se‐
lectivity towards glucose. The effect of the speed of the flow on different calibration
parameters, obtained from the transient phase of the biosensor signal, was studied.
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2. Materials and experimental procedures

Glucose oxidase (GOD, EC 1.1.3.4. from Aspergillus niger, 17 300 U/g protein) was obtained
from Sigma. All other reagents used in the study were of analytical grade. Glucose stock sol‐
utions were prepared in phosphate buffer (PB) (pH 6.50, I = 0.1 M) and allowed to mutaro‐
tate overnight at 370C; glucose working solutions were prepared immediately before use.

2.1. Enzyme immobilization

Glucose oxidase was immobilized onto nylon-6,6 threads, used as a carrier, according to
previously published protocol with some minor modifications. Nylon is a perfect carrier for
enzyme immobilization, because it is inert, hydrophilic and mechanically strong. However,
its inertness prevents enzyme binding without a specific treatment (Isgrove et al, 2001;Se‐
gura-Ceniceros et al, 2006;Sassolas et al, 2012;Nan et al, 2009). Hence, activation of nylon is
essential in immobilizing of an enzyme. One of the possibilities to activate nylon surface is
by O-alkylation with dimethyl sulfate (DMS). Thus, pieces of nylon thread with a length of
100 cm were immersed into 98% (w/w) dimethyl sulfate at 500C for 10 min; washed thor‐
oughly at first with ice-cold methanol and after that with 0.1 M PB (pH 6.50). Thereafter, the
threads were immersed into 12.5% glutaraldehyde solution (in 0.1 M PB, pH 6.50) for 1 h at
room temperature. Glutaraldehyde (GA) was used as a linker between the activated carrier
and enzyme (Betancor et al, 2006;Pahujani et al, 2008). The threads were washed with 0.1 M
PB (pH 6.50) and incubated overnight at 40C in GOD solution (100 U/ml) (Scheme 1) (Kivir‐
and & Rinken, 2009). Finally, the threads were thoroughly washed and stored in a 0.1 M PB
(pH 6.50) at 40C until further use.

(1)

The GOD-containing threads kept at least 80% of their initial enzymatic activity for 35 days
at 370C. The thread’s activity was controlled before each series of measurements and the sen‐
sor output corrected according to the actual activity of the enzyme.

2.2. Biosensor system

Glucose oxidase catalyzes the oxidation of β-D-glucose by dissolved oxygen causing a de‐
crease of dissolved oxygen concentration in the reaction medium:

β− D −glucose + O2 →
GOD

D−gluconic acid + H2O2
(2)

The applied oxygen optrode was constructed in the Institute of Physics at the University of
Tartu. This sensor was based on measuring the oxygen-induced phosphorescence quench‐
ing of Pd-tetraphenylporphyrin molecules, encapsulated into thermally aged polymethyl
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methacrylate (PMMA) film, covering the cylindrical surface of a 30 mm long PMMA optical
fibre with the diameter of 1 mm (Õige et al, 2005;Jaaniso et al, 2005). The dissolved oxygen
concentration was calculated automatically with the help of Stern-Volmer relationship, us‐
ing original software Oxysens 2.0.

For the preparation of a glucose optrode, 18 cm of GOD-containing thread was cut and
coiled around the oxygen-sensitive surface of the oxygen optrode (Fig.2) (Kivirand et al,
2011). If the activity of the thread dropped below 80% of its initial activity, the GOD-contain‐
ing thread was replaced. The reference optrode was covered with 18 cm of „blank“ thread.

Figure 2. Construction of the biosensor: glucose oxidase-containing thread coiled spirally around an oxygen optrode.

The glucose and the reference optrodes were placed into identical and parallel isolated
channels of the measuring cell. A schematic cross-section of the cell system used in the stud‐
ies is presented in Fig.3. The flow channels were 50 mm long and with the diameter of 3
mm. All measurements were carried out at flow speed varying from 0 to 5.1 cm/sec at
37±0.020C. A peristaltic pump was used to deliver samples through the system and to wash
the system; the temperature was stabilized by a specially constructed oven. To minimize
temperature fluctuations, the flow tubing was going through the oven for 10 times before
entering the measuring cell, making the temperature very stable, although slightly increas‐
ing the analysis time. The stabilization of the temperature was really important, as the ana‐
lytical performance of the biosensor was anticipated to be greatly dependent on temperature
(Pasic et al, 2007;Peedel & Rinken, 2012). At temperature 370C no enzyme denaturation could
be detected and this temperature was used to gain the highest biosensor sensitivity. All
measurements at different flow rates and different substrate concentrations were carried out
in 0.1 M PB at pH 6.50 (the oxygen saturation concentration at 370C is 6.7 mg/ml).
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Figure 3. Schematic cross–section of the measuring cell 1 – glucose and oxygen optrodes, covered with nylon thread;
2 – cylindrical messing oven for the stabilization of temperature (± 0.020C); 3 – measuring cell with flow channels; 4 –
outflows; 5 – temperature sensor; 6 – inflow.

In case the biosensor signal parameters were studied in a standing liquid, the glucose assays
were injected at the speed of 1.1 cm/sec. After each measurement the system was washed
with 0.1 M PB (pH 6.50) until the sensor signals reached their initial values. The sensor out‐
put signal was recorded with the interval of 1 sec.

2.3. Data processing

The change of oxygen concentration was found as the difference between the signals of glu‐
cose and reference optrodes and normalized to bring the data from different sensors onto a
common scale. From the reaction transient phase data, we calculated the total signal change
parameter (at t →∞) using the earlier – proposed biosensor dynamic model, taking into ac‐
count the ping-pong mechanism of enzyme kinetics, diffusion phenomena and the inertia of
the signal transduction system (Rinken & Tenno, 2001). According to this model, the nor‐
malized oxygen concentration cO2

(t) / cO2
(0) during the bio-recognition process in a biosensor

is expressed as a 3-parameter function of time t:
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where cO2
(t) is the biosensor output current at time moment t; cO2

(0) is the output current at

the start of the reaction; t is time.

The parameter A is a complex coefficient, corresponding to the total possible biosensor sig‐
nal change at the steady–state and parameter B is the initial maximal slope of process curve;
both parameters A and B depend hyperbolically on substrate concentration; τs is the time
constant of the transducer’s response (Rinken & Tenno, 2001). Parameters A, B and τs are all
independent on each other. According to the applied model, the total signal change parame‐
ter A is expressed as

2 2
2 2

*

*( )

bulk
cat stotal

O O
diff O s cat diff O bulktotal

k E c
A

k K K k E k K c

é ùë û=
+ +é ùë û

(4)

where kcat
*  is the apparent catalytic constant of the reaction; E total  is the overall concentra‐

tion of the immobilized enzyme; kdiff
O2  is the apparent diffusion constant of the oxygen; KO2

 is

the dissociation constant of the enzyme-oxygen complex; Ks the dissociation constant for the
enzyme-substrate complex; and cbulk  is the substrate concentration in solution.

Additionally, from the transient phase data, collected between 20 to 60 seconds from the
start of the reaction, the apparent maximal speed parameter of the reaction was calculated
and used for the biosensor calibration. The starting moment of the reaction was determined
experimentally for the particular measuring system: due to the length of the tubing the
probe reached the optrodes after a time interval dependent on the flow speed. The values of
all points on biosensor calibration curves are the results of at least 3 parallel measurements.

3. Results

3.1. Output of the biosensor system

The oxygen optrodes acting as oxygen transducers were employed to measure the rate of
oxygen consumption in the enzymatic oxidation reactions. At fixed oxygen concentration,
the response of the reference oxygen sensor is virtually constant with increasing glucose
concentration, while the response of the glucose sensor decreases due to consumption of
oxygen during glucose oxidation. The difference between the reference and the glucose sen‐
sor responses corresponds to the glucose concentration. Some examples of the signal curves
of glucose and reference optrodes are shown in Fig. 4 (A).
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Figure 4. (A): Oxygen concentration responses obtained with the glucose oxidase optrode for different concentra‐
tions of glucose solution: — glucose biosensor response (black line); — reference optrode response (grey line) (at 370C
at flow rate 1.1 cm/sec in a 0.1 M phosphate buffer of pH 6.50). Arrows indicate the substrate adding time. (B): Nor‐
malized sensor outputs at different glucose concentrations (at 370C at flow rate 1.1 cm/sec in 0.1 M phosphate buffer
of pH 6.50).

For the detection of the starting moment of the bio-recognition reaction, the dependence of
the time gap between the injection of the probe into the tubing and the probe front reaching
the optrodes on the speed of the flow was determined. For the particular measuring cell, it
was linearly dependent on the speed of the flow as expected:

103.30 (36.05 0.95)t n= - ± (5)

State of the Art in Biosensors - General Aspects340



Figure 4. (A): Oxygen concentration responses obtained with the glucose oxidase optrode for different concentra‐
tions of glucose solution: — glucose biosensor response (black line); — reference optrode response (grey line) (at 370C
at flow rate 1.1 cm/sec in a 0.1 M phosphate buffer of pH 6.50). Arrows indicate the substrate adding time. (B): Nor‐
malized sensor outputs at different glucose concentrations (at 370C at flow rate 1.1 cm/sec in 0.1 M phosphate buffer
of pH 6.50).

For the detection of the starting moment of the bio-recognition reaction, the dependence of
the time gap between the injection of the probe into the tubing and the probe front reaching
the optrodes on the speed of the flow was determined. For the particular measuring cell, it
was linearly dependent on the speed of the flow as expected:

103.30 (36.05 0.95)t n= - ± (5)

State of the Art in Biosensors - General Aspects340

where t is the lag period and v is the speed of the flow. Based on the value of this lag period
for every measured flow speed, the biosensor data collected during this lag period was ex‐
tracted from the databank, used for the calculation of the signal parameters at different glu‐
cose concentrations.

The response signal of the reference oxygen sensor was stable and its fluctuations did not
exceed 1% of the working range of the sensor at any measured glucose concentration and
flow speed. Still, to eliminate all potential experimental noise, the difference between the
signals of the reference and the glucose sensor response was used to determine the normal‐
ized output of the system. An example of the normalized biosensor output curves at v = 1.1
cm/sec at different glucose concentrations are shown on Fig. 4 (B). These curves were used
for the determination of the calibration parameters of the biosensor.

3.2. System regeneration

To use the bio-sensing system for real-time analysis, it is necessary to regenerate the system
as quickly as possible. Regeneration involves passing a background flow of fluid without re‐
active components through the flowing system. The speed of cleaning of the flow system de‐
pends on the flow rate and slightly on the substrate concentration analyzed, as expected
(Fig. 5).
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Figure 4 (B): Normalized sensor outputs at different glucose concentrations (at 370C at flow rate 1.1 cm/sec in 0.1 M 
phosphate buffer of pH 6.50). 
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Figure 5. The speed of the cleaning of the biosensing system at different flow rates. Measurements were performed at 370C in 
a 0.1 M phosphate buffer (pH 6.50). The values of all points are the results of at least 3 parallel measurements. 
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The flow rate was varied between 0.3 to 5.1 cm/sec. At lower flow rates (0.3 to 1.3 cm/sec)
the system regeneration time increased by increasing of the flow rate. With further increase
of the flow rate, the regeneration time became independent on the flow rate, which could be
explained with the limits substrate diffusion in the GOD-containing threads. From Fig. 5, it
can be seen that the regeneration time was also dependent on the substrate concentration. At
lower flow rates (0.3 to 1.1 cm/sec) the dependence was clearly seen – increasing the sub‐
strate concentration the regeneration time also increased. At higher flow rates the regenera‐
tion time did not depend on the substrate concentration any more. From these results it
could be concluded that the minimum required flow rate for system regeneration was at
least 1.1 cm/sec. At this flow rate, the time for cleaning the system was 4.5 to 5 min. Studies
to minimize the regeneration time required, are ongoing.

3.3. Calibration of the biosensor at different flow rates

The flow rate in the system affected the values of the reaction parameters and thus the sam‐
ple throughput, biosensor sensitivity and detection limit. The choice of optimal flow rate is
the presumption of obtaining accurate and reliable results in flow-through biosensor set-
ups. At low flow rates, the apparent speed of the enzyme - catalyzed reaction, registered
with a biosensor, is smaller than at high flow speeds, but the steady state signal can be cal‐
culated more accurately. For practical biosensor applications, it is important that the time re‐
quired for the acquirement of the results and for biosensor regeneration is as short as
possible.

The flow rate in the system was varied between 0 (stopping the flow for the measurements)
and 5.1 cm/sec; at flow rates over 5.1 cm/sec the waste of reagents became unreasonable. In
case the flow rates were below 0.3 cm/sec, the experimental noise was very big due to the air
bubbles, gathering on the surfaces of the sensors and walls of the flow channels and the val‐
ue of the signal to noise ratio was below 3.

3.3.1. Sensitivity of the biosensor system based on different calibration parameters

As described earlier, two different calibration parameters were used: the maximum signal
change parameter A and the apparent maximal speed parameter vapp, determined as descri‐
bed in chapter 2.3. The biosensor calibration curves were made by plotting these parameters
versus glucose concentration, as presented in Fig. 6 (A and B).

The glucose assay had a linear range up to 1.2 mM; at higher glucose concentrations the de‐
pendence became nonlinear. In case the measurements were carried out with the stopped
flow, the biosensor showed linearity up to 0.8 mM. The linear part of these calibration
curves and the values of slopes characterize the sensitivity of the biosensing system. Due to
the different nature of the used calibration parameters, the dependences of the value of their
slopes on flow rate are different (Fig. 7).

The maximum signal change parameter did not substantially depend on the flow rate in the
range of the studied glucose concentrations (0.2 to 1.5 mM). Actually, this reaction parame‐
ter is also indifferent towards the determination of time, at which the analyte front reaches
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Figure 6. (A). Glucose calibration curves based on maximum signal change parameter A at different flow rates. Meas‐
urements were performed at 370C in a 0.1 M phosphate buffer (pH 6.50). The values of all points are the results of at
least 3 parallel measurements. (B). Glucose calibration curves based on the apparent maximal speed parameter vapp at
different flow rates. Measurements were performed at 370C in a 0.1 M phosphate buffer (pH 6.50). The values of all
points are the results of at least 3 parallel measurements.
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the biosensor, as it is defined as a biosensor maximum signal change in steady-state condi‐
tions (t → ∞). In case this parameter for the glucose oxidation reaction was measured in the
standing medium (the flow was stopped), the values of this parameter at different glucose
concentrations were significantly higher (Fig. 6A) and the slope of the calibration curve was
about 1.7 times higher than it should be, if the same signal rising mechanism had been con‐
sidered. Actually this increase has only a qualitative value, as the hydraulic stroke of halting
the flow influences the parameter values. Actually, in the standing medium the diffusion
layer of oxygen and glucose at the surface of the sensors is much thicker and the impact of
the reaction kinetics of the measured signal is much bigger than in the flowing mediums.
Due to the accumulation of air bubbles in the flow system at small flow rates, it was not pos‐
sible to carry out experimental measurements at flow rates under 0.8 cm/sec and it is not
clear, at which flow rates the signal rising mechanism changes.

The slope of biosensor calibration curve constructed with the apparent maximum speed pa‐
rameter vapp, increases along with the increase of the flow rate until 1.1 cm/sec; at higher flow
rates it reaches its maximum value and glucose calibration curves are similar. Thus, apply‐
ing this parameter, the sensitivity of the biosensor can be modified according to the aim of
analysis. As already pointed out, it was not possible to conduct measurements at flow rates
under 0.8 cm/sec.

The flow rate also influences the biosensor response time. In standing solutions, 8 minutes
were the minimal time of acquiring results with acceptable precision. So the flow rate of 1.3
cm/sec was chosen for the studies of the system repeatability, as it offers acceptable response
time and sufficient sensitivity.

 

0.0 0.2 0.4 0.6 0.8 1.0 1.2
0

1

2

3

4

5

6

7

8

9

10 1.7 cm/sec

1.1 cm/sec
1.3 cm/sec

0.8 cm/sec

0.5 cm/sec
0.3 cm/sec

3.9 cm/sec
5.1 cm/sec

2.6 cm/sec

(B)

Glucose concentration (mM)

A
pp

ar
en

t m
ax

im
al

 s
pe

ed
 p

ar
am

et
er

 a
pp

*1
03

(s
ec

-1
)

 
 
Figure 6 (B). Glucose calibration curves based on the apparent maximal speed parameter vapp at different flow rates. 
Measurements were performed at 370C in a 0.1 M phosphate buffer (pH 6.50). The values of all points are the results of at 
least 3 parallel measurements. 
 
 
The glucose assay had a linear range up to 1.2 mM; at higher glucose concentrations the dependence became 
nonlinear. In case the measurements were carried out with the stopped flow, the biosensor showed linearity up to 
0.8 mM. The linear part of these calibration curves and the values of slopes characterize the sensitivity of the 
biosensing system. Due to the different nature of the used calibration parameters, the dependences of the value of 
their slopes on flow rate are different (Fig. 7).  
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Figure 7. Dependence of the slopes of the calibration curves on different flow rates. The slopes were calculated from the 
calibration curves. On the left side (●) is the biosensor system response parameter A and on the right side (○) the apparent 
maximal speed parameter νapp. 
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the biosensor, as it is defined as a biosensor maximum signal change in steady-state condi‐
tions (t → ∞). In case this parameter for the glucose oxidation reaction was measured in the
standing medium (the flow was stopped), the values of this parameter at different glucose
concentrations were significantly higher (Fig. 6A) and the slope of the calibration curve was
about 1.7 times higher than it should be, if the same signal rising mechanism had been con‐
sidered. Actually this increase has only a qualitative value, as the hydraulic stroke of halting
the flow influences the parameter values. Actually, in the standing medium the diffusion
layer of oxygen and glucose at the surface of the sensors is much thicker and the impact of
the reaction kinetics of the measured signal is much bigger than in the flowing mediums.
Due to the accumulation of air bubbles in the flow system at small flow rates, it was not pos‐
sible to carry out experimental measurements at flow rates under 0.8 cm/sec and it is not
clear, at which flow rates the signal rising mechanism changes.

The slope of biosensor calibration curve constructed with the apparent maximum speed pa‐
rameter vapp, increases along with the increase of the flow rate until 1.1 cm/sec; at higher flow
rates it reaches its maximum value and glucose calibration curves are similar. Thus, apply‐
ing this parameter, the sensitivity of the biosensor can be modified according to the aim of
analysis. As already pointed out, it was not possible to conduct measurements at flow rates
under 0.8 cm/sec.
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Figure 6 (B). Glucose calibration curves based on the apparent maximal speed parameter vapp at different flow rates. 
Measurements were performed at 370C in a 0.1 M phosphate buffer (pH 6.50). The values of all points are the results of at 
least 3 parallel measurements. 
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The repeatability of the experimental measurements was studied at glucose concentration of
0.5 mM (15 experiments per day and four days in a row). The repeatability of the measure‐
ments was very good considering that the standard deviation of the vertical distances of the
points from the line Sy.x. was 0.0051 and the coefficient of determination R2 was 98% (Fig.8).
The results indicated the biosensor to exhibit a fairly analytical feature of repeatability.

The maximum signal change parameter did not substantially depend on the flow rate in the range of the studied 
glucose concentrations (0.2 to 1.5 mM). Actually, this reaction parameter is also indifferent towards the 
determination of time, at which the analyte front reaches the biosensor, as it is defined as a biosensor maximum 
signal change in steady-state conditions (t → ∞). In case this parameter for the glucose oxidation reaction was 
measured in the standing medium (the flow was stopped), the values of this parameter at different glucose 
concentrations were significantly higher (Fig. 6A) and the slope of the calibration curve was about 1.7 times 
higher than it should be, if the same signal rising mechanism had been considered. Actually this increase has only 
a qualitative value, as the hydraulic stroke of halting the flow influences the parameter values. Actually, in the 
standing medium the diffusion layer of oxygen and glucose at the surface of the sensors is much thicker and the 
impact of the reaction kinetics of the measured signal is much bigger than in the flowing mediums. Due to the 
accumulation of air bubbles in the flow system at small flow rates, it was not possible to carry out experimental 
measurements at flow rates under 0.8 cm/sec and it is not clear, at which flow rates the signal rising mechanism 
changes. 
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along with the increase of the flow rate until 1.1 cm/sec; at higher flow rates it reaches its maximum value and 
glucose calibration curves are similar. Thus, applying this parameter, the sensitivity of the biosensor can be 
modified according to the aim of analysis. As already pointed out, it was not possible to conduct measurements at 
flow rates under 0.8 cm/sec.  
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Figure 8. Repeatability of the measurements with the glucose biosensor. Measurements were carried out at 370C in 0.5 mM 
glucose solutions in 0.1 M phosphate buffer (pH 6.50) at flow rate 1.3 cm/sec. 
 
 
3.4 Operational stability of the biosensor 

The loss of sensitivity under operational conditions is one of the most serious limits of the practical utility of 
biosensors. Besides possible leaching of the bio-selective material, the biosensors are ascribed to the inactivation 
and denaturation of their bioactive compounds. The operational stability of the present biosensor system was 
assessed by a continuous long-term experiment, in which we repeatedly analysed 0.5 mM glucose solutions. The 
biosensor system was in everyday exploitation – used for about a 15-measurement-serie per day – after which it 
was washed with 0.1 M PB (pH 6.50) and left overnight at 370C. The initial activity of the sensor dropped for 

Figure 8. Repeatability of the measurements with the glucose biosensor. Measurements were carried out at 370C in
0.5 mM glucose solutions in 0.1 M phosphate buffer (pH 6.50) at flow rate 1.3 cm/sec.

3.4. Operational stability of the biosensor

The loss of sensitivity under operational conditions is one of the most serious limits of the prac‐
tical utility of biosensors. Besides possible leaching of the bio-selective material, the biosensors
are ascribed to the inactivation and denaturation of their bioactive compounds. The operation‐
al stability of the present biosensor system was assessed by a continuous long-term experi‐
ment, in which we repeatedly analysed 0.5 mM glucose solutions. The biosensor system was in
everyday exploitation – used for about a 15-measurement-serie per day – after which it was
washed with 0.1 M PB (pH 6.50) and left overnight at 370C. The initial activity of the sensor
dropped for about 20% during the first 3 days; after that the biosensor response remained con‐
stant for over 35 days operation period with no significant loss of activity (Fig. 9).
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period with no significant loss of activity (Fig. 9).  
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Figure 9. Stability of the biosensor with a GOD-containing nylon thread held at 37oC. Measurements were carried out in 0.5 
mM glucose solutions in 0.1 M phosphate buffer (pH 6.50) at flow rate 1.3 cm/sec. The values of all points are the results of 
at least 3 parallel measurements. 
 
 
 

4. Conclusions 

A differential optrode based biosensor system for real-time monitoring of glucose in flow-through set-up has 
been studied and the selection of different calibration parameters analyzed. The influences of the flow rate and 
oxygen fluctuations on the sensor response have been studied. It was found that even at quite low flow rates the 
rising of the biosensor signal was controlled by diffusion and only in standing solutions the kinetics of the bio-
recognition reaction had a substantial impact on the measurable output. The biosensor steady-state signal, 
calculated from the transient response was not dependent on the flow rate, if the latter exceeded 0.8 cm/sec.   
 
The applied enzyme immobilizing procedure ensured a good operational stability of the system. Thus, an 
interference and cross-talk free device for the real-time monitoring of glucose concentration was successfully 
established. Used sensing system can be generalized for the other biologically important compounds catalyzed by 
oxidase-class enzymes and for the construction of biosensor arrays for different applications. 
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Figure 9. Stability of the biosensor with a GOD-containing nylon thread held at 37oC. Measurements were carried out
in 0.5 mM glucose solutions in 0.1 M phosphate buffer (pH 6.50) at flow rate 1.3 cm/sec. The values of all points are
the results of at least 3 parallel measurements.

4. Conclusions

A differential optrode based biosensor system for real-time monitoring of glucose in flow-
through set-up has been studied and the selection of different calibration parameters ana‐
lyzed. The influences of the flow rate and oxygen fluctuations on the sensor response have
been studied. It was found that even at quite low flow rates the rising of the biosensor signal
was controlled by diffusion and only in standing solutions the kinetics of the bio-recognition
reaction had a substantial impact on the measurable output. The biosensor steady-state sig‐
nal, calculated from the transient response was not dependent on the flow rate, if the latter
exceeded 0.8 cm/sec.

The applied enzyme immobilizing procedure ensured a good operational stability of the
system. Thus, an interference and cross-talk free device for the real-time monitoring of glu‐
cose concentration was successfully established. Used sensing system can be generalized for
the other biologically important compounds catalyzed by oxidase-class enzymes and for the
construction of biosensor arrays for different applications.
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4. Conclusions

A differential optrode based biosensor system for real-time monitoring of glucose in flow-
through set-up has been studied and the selection of different calibration parameters ana‐
lyzed. The influences of the flow rate and oxygen fluctuations on the sensor response have
been studied. It was found that even at quite low flow rates the rising of the biosensor signal
was controlled by diffusion and only in standing solutions the kinetics of the bio-recognition
reaction had a substantial impact on the measurable output. The biosensor steady-state sig‐
nal, calculated from the transient response was not dependent on the flow rate, if the latter
exceeded 0.8 cm/sec.

The applied enzyme immobilizing procedure ensured a good operational stability of the
system. Thus, an interference and cross-talk free device for the real-time monitoring of glu‐
cose concentration was successfully established. Used sensing system can be generalized for
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