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ABSTRACT 

Over the past two decades, more accurate, convenient and earlier diagnoses have 

become a key strategy to reduce health care costs. The application of electronics to 

biology and medicine has enabled advanced technology of lab-on-a-chip biomedical 

diagnoses. The aim of this study was to explore possible interface or surfaces which 

could be printed and utilised to fabricate biosensor for the detection of potential 

diseases. Overall, the research work was carried out into two dimensions, and therefore, 

this thesis has been divided into two major sections. The first section (Chapters 1-3) 

comprises studies carried out on Quantum Tunnelling Composite (QTC) vapour sensors 

for the detection of potential biomarkers acetone and ammonia in breath. Recent 

developments in gas-sensing technology and pattern recognition methods made 

electronic nose technology an interesting alternative for health care devices. Therefore, 

initial experiments were carried out to evaluate QTC potential as vapour sensing 

material for an electronic nose. The second section (Chapters 4-10) comprises design, 

preparation and characterisation of labelless immunosensors for Neisseria gonorrhoea 

and Chlamydia trachomatis. Electrochemical impedance spectroscopy (EIS) was 

employed to investigate detection of analytes via impedimetric transduction. The 

successful construction of an immunosensor depends on effective immobilising of bio-

recognition element onto the transducer surface. Thus, conducting polymers having 

amine functional groups were developed, utilised and evaluated as a suitable matrix for 

the covalent entrapment of antibodies. Fragments of antibodies were immobilised onto 

four different functionalised conducting surfaces which included polyaniline, poly (4-

amino methyl) pyridine, polytyramine and 3-amino propyl pyrrole, respectively. Fully 

fabricated sensors were interrogated against various concentrations of Neisseria 

gonorrhoea and Chlamydia trachomatis. EIS was used to measure the charge transfer 

resistance of the sensors across a range of frequencies. These sensors were found to 

specifically detect the intended analytes with a limit of detection of 102 bacterial 

particles per ml in general. In addition, scanning electron microscopy was employed to 

study the surface morphologies of a sensor whereas FTIR spectroscopy was employed 

for the characterisation of all polymers.  

http://en.wikipedia.org/wiki/Electronics
http://en.wikipedia.org/wiki/Biology
http://en.wikipedia.org/wiki/Medicine
http://en.wikipedia.org/wiki/Lab-on-a-chip


vii 

 

LIST OF ABBREVIATIONS 

3 & 4-AMP 3 & 4-amino methyl pyridine 

ANN Artificial neural network 

ANI Aniline 

3APPy 3-aminopropyl pyrrole 

APS Ammonium per sulphate 

ATR Attenuated total reflectance 

BQ p-benzoquinone   

BWA Bulk acoustic wave 

CPU Central processing unit 

CHL Chlamydia trachomatis  

CP Conductive polymer  

CV Cyclic voltammetry  

DFA Direct fluorescent antibody 

DMSO Dimethyl sulphoxide 

DMF Dimethylformamide 

DNA Deoxyribonucleic acid 

DBSA Dodecylbenzene sulphonic acid 

EAD Electronic aroma detection 



viii 

 

EASP Electronic aroma signature pattern 

ECL Chemiluminescence substrate 

EDTA Ethylenediaminetetraacetic acid 

ELISA Enzyme-linked immunosorbent assay 

EDC  1-Ethyl-3-[3-dimethylaminopropyl]carbodiimide hydrochloride 

EN Electronic nose 

EIS Electrochemical impedance spectroscopy 

ES Emeraldine salt 

FRA Frequency response analysis 

FTIR Fourier transform infrared spectroscopy 

GC-MS Gas chromatography mass spectrometry (GC-MS) 

GPES General purpose electrochemical system 

HOMO   Highest occupied molecular orbital 

HRP Horseradish peroxidase 

HQ Hydroquinone 

LB Leucomeraldine base 

LUMO Lowest unoccupied molecular orbital 

MS Mass spectrometry 

Na-pTSA Sodium salt of p-toluene sulphonic acid 

NG  Neisseria gonorrhoea 



ix 

 

NHS N-Hydroxysulfosuccinimide 

NHS-LC-LC-Biotin Succinimidyl-6-(biotinamido)-6-hexanamido hexanoate 

NHS-ESTER Sulphonated ester derivative of N-hydroxysulphosuccinimide 

ODN Oligonucleotide 

PANI Polyanilines  

PBS Phosphate buffered saline 

PEG Polyethylene glycol 

PID Pelvic inflammatory disease 

PPY Polypyrrole poly[1,3-diaminobenzene (DAB) 

POLY-TYR 4-(2-aminoethyl) phenol 

PPM Parts per million 

PS Pernigraniline salt 

PTCR Temperature coefficient of resistance 

PVC Polyvinyl chloride 

QTC Quantum tunnelling composite 

RNA Ribonucleic acid 

RI Refractive index 

SAM Self-assembled monolayer 

SAW Surface acoustic wave 

SEM Scanning electron microscopy 



x 

 

SDBS Sodium dodecyl benzene sulphonate 

SDS Sodium dodecyl sulphate 

SMCC Succinimidyl-4-(N-maleimidomethyl)cyclohexane carboxylate 

SMPB Succinimidyl-4-(N-maleimidophenyl) butyrate 

STI’s Sexually transmitted infections 

TCEP Tris(2-carboxyethyl) phosphine 

TWEEN 20  Polyoxyethylene (20) sorbitan monolaurate 

VOCs Volatile organic compounds  



xi 

 

LIST OF SYMBOLS 

A Area of the electrode 

Cdl Double-layer capacitance 

cm Centimetres 

Cox  Oxidative concentration 

Cred Reductive concentration 

CPE Constant phase element 

°C Centigrade 

F Faraday’s constant 

Ihp Inner helmholtz plane 

Ohp Outer helmholtz plane 

τ Time constant 

φ Phase shift 

ΔH Heat of vaporisation 

δ Solubility parameter 

δs Solution solubility parameter 

δp Polymer solubility parameter 

Hz Hertz 

Δ Hildebrand solubility parameter 



xii 

 

kHz Kilo hertz 

kΩ Kilo-Ohms 

I Current 

J Flux  coefficient 

kDa  Kilo dalton 

ipc Peak current intensity  

R Gas constant 

Rct Charge-transfer resistance 

RS Resistance of the solution 

Ri Initial resistance 

Rf Final resistance 

Z” Imaginary impedance component 

Z’ Real impedance component 

|Z| Absolute impedance 

Zw Warburg impedance 

 

  



xiii 

 

LIST OF FIGURES 

Figure 1 Working flow of electronic nose ...................................................................................... 5 

Figure 2 A typical nickel particle used in QTC™ materials .................................................... 11 

Figure 3 QTC vapour sensors ............................................................................................................ 17 

Figure 4 Laboratory setup for vapour sensing experiments ................................................ 18 

Figure 5 Change in resistance of QTC Sensors (5mm &15mm) exposed to various 

acetone concentrations in water ............................................................................................................ 21 

Figure 6 Change in resistance of QTC Sensors (5mm &15mm) exposed to various 

ammonia concentrations in water ......................................................................................................... 22 

Figure 7 Change in resistance of QTC Sensors (5mm & 15mm) exposed to acetone 

vapours……………………………………………………………………………………………………………………24 

Figure 8 Change in resistance of QTC Sensors (5mm & 15mm) exposed to ammonia 

vapours……………………………………………………………………………………………………………………25 

Figure 9 Standard deviation of QTC sensors (a) 5mm QTC sensor (b) 15 mm QTC 

sensor………………………………………………………………………………………………………………………26 

Figure 10 Elements and selected compounds of a typical biosensor ................................. 30 

Figure 11 Biosensor transduction techniques coupled with bio-receptors ..................... 31 

Figure 12 Structures of some common CP’s ................................................................................. 34 

Figure 13 Electropolymerisation mechanism of polypyrrole ................................................ 35 

Figure 14 A cyclic voltammetric excitation signal ...................................................................... 42 

Figure 15 Typical voltammogram of a reversible redox couple (Research, 2014) ....... 43 

Figure 16 (A) the typical Nyquist diagram for the AC impedance measurements; (B) 

the Randle equivalent circuit ................................................................................................................... 48 

Figure 17 Typical Nyquist plot showing the real and imaginary component of 

impedance………………………………………………………………………………………………………………..49 



xiv 

 

Figure 18      The structure of the electrical double layer…………………………………………….51 

Figure 19 Schematic presentation of antibodies binding with pathogens ....................... 53 

Figure 20 NHS ester activation reactions involving EDC (Thermo, 2014) ....................... 61 

Figure 21 Schematic presentation of immobilisation of antibody through sulphydryl 

group on to maleimide active electrode surface .............................................................................. 64 

Figure 22 Schematic  representation of three different ways of bioprobes 

immobilisation ............................................................................................................................................... 65 

Figure 23 NHS-Biotin ............................................................................................................................. 69 

Figure 24 NHS-LC-LC-Biotin ............................................................................................................... 69 

Figure 25 Reduction of organic disulphide bonds with TCEP ............................................... 70 

Figure 26 Sulfo-SMCC ............................................................................................................................ 71 

Figure 27 Drop sensor gold electrode design .............................................................................. 73 

Figure 28 (A) The three electrode rig and (B) electrode holder used in impedance 

studies……………………………………………………………………………………………………………………..76 

Figure 29 Reaction of sulpho-NHS-biotin with primary amine (Thermo, 2014) ........... 81 

Figure 30 Sensors fabricated by (A) Electrodeposition (B) in-situ polymerisation (C) 

drop casting……………………………………………………………………………………………………………..82 

Figure 31 Schematic presentation of immobilisation of ½ antibody onto SMCC 

modified poly(4-aminomethyl)pyridine electrode ......................................................................... 83 

Figure 32 Schematic presentation of immunosensor preparation protocol ................... 85 

Figure 33 Overview of midland blotting ........................................................................................ 86 

Figure 34 Chemiluminescence analysis of electrodeosited and drop casted sensors...87 

Figure 35 Proposed scheme of polymerisation of 4-(amino methyl) pyridine .............. 89 

Figure 36 SEM pictures of poly (4-amp) particles at (a) 1M and (b) 0.2M monomer 

concentration ................................................................................................................................................. 90 



xv 

 

Figure 37 Cyclic voltammograms of poly(4-AMP) ..................................................................... 91 

Figure 38 FTIR spectra of poly(4-amp) .......................................................................................... 92 

Figure 39 SEM analysis of a) bare electrode b) poly(4-amp) electrodeposited and c) 

poly(4-amp) drop casted ........................................................................................................................... 93 

Figure 40 Nyquist plots of poly(4AMP)-NG (+)ve modified electrode exposed to 

various concentrations of Neisseria gonorrhoea (+)ve ................................................................... 97 

Figure 41 Nyquist plots of negative control of poly(4AMP) modified electrode 

exposed to various concentrations of NG (+)ve ................................................................................ 97 

Figure 42 Standard deviation bar graph of poly(4AMP)-NG(+)ve modified 

immunosensor ............................................................................................................................................... 98 

Figure 43 Nyquist plots of poly(4AMP)-NG(+)ve modified electrode exposed to 

various concentrations of Neisseria gonorrhoea (-)ve .................................................................. 99 

Figure 44 Nyquist plots of negative control of poly(4AMP) modified electrode 

exposed to various concentrations of NG (-)ve ................................................................................. 99 

Figure 45 Standard deviation graph of poly(4AMP)-NG(-)ve modified 

immunosensor……………………………………………………………………………………………………….100 

Figure 46 Nyquist plot of poly(4AMP)-Chlamydia modified electrode exposed to 

various concentrations of Neisseria ................................................................................................... 101 

Figure 47 Nyquist plots of negative control of poly(4AMP) modified electrode 

exposed to various concentrations of Chlamydia .......................................................................... 102 

Figure 48 Standard deviation graph of poly(4AMP)-Chlamydia modified .................... 103 

Figure 49 Rct calibration curve of poly(4AMP) immunosensor comprising normalised 

values…………………………………………………………………………………………………………………….104 

Figure 50 Polymerisation of aniline .............................................................................................. 108 

Figure 51 SEM images of polyaniline particles with micelle polymerisation ............... 109 

Figure 52 SEM pictures of polyaniline in reverse micelle polymerisation .................... 110 



xvi 

 

Figure 53 SEM pictures of polyaniline nanofibres .................................................................. 112 

Figure 54 Cyclic voltammogram of polyaniline in 1M HCl ................................................... 113 

Figure 55 FT-IR spectrum of polyaniline .................................................................................... 114 

Figure 56 SEM analysis of polyaniline film film onto a) bare electrode b) polyaniline 

electrodeposited and c)polyaniline drop casted ........................................................................... 115 

Figure 57 Nyquist plots (-Z’ versus Z”) of the various forms of polyaniline modified 

electrodes………………………………………………………………………………………………………………117 

Figure 58 Nyquist plots of a polyaniline-NG(+)ve  modified electrode exposed to 

various concentrations of Neisseria gonorrhoea (+)ve .............................................................. 119 

Figure 59 Nyquist plots of negative control of PANI modified electrode exposed to 

various concentrations of NG(+)ve ..................................................................................................... 119 

Figure 60 Standard deviation graph of PANI-NG(+)ve modified immunosensor ....... 120 

Figure 61 Nyquist plots of a polyaniline-NG(-)ve modified electrode exposed to 

various concentrations of Neisseria gonorrhoea (-)ve ................................................................. 121 

Figure 62 Nyquist plots of negative control of PANI modified electrodes exposed to 

various concentrations of NG (-)ve ..................................................................................................... 121 

Figure 63 Standard deviation graph of PANI-NG(+)ve modified immunosensor ....... 122 

Figure 64 Nyquist plots of a polyaniline-NG(-)ve modified electrode exposed to 

various concentrations of Chlamydia ................................................................................................ 123 

Figure 65 Nyquist plots of negative control of PANI modified electrodes exposed to 

various concentrations of Chlamydia ................................................................................................ 123 

Figure 66 Standard deviation graph of PANI-Chlamydia modified immunosensor .. 124 

Figure 67 Rct calibration curve of poly(4AMP) immunosensor comprising normalised 

values…………………………………………………………………………………………………………………….125 

Figure 68 Synthesis of N-(3-Amino propyl) pyrrole .............................................................. 130 



xvii 

 

Figure 69 Schematic presentation of copolymerisation of pyrrole and N-(3-Amino 

propyl) pyrrole ........................................................................................................................................... 131 

Figure 70 SEM picture of 3-Amino propyl pyrrole co-polymer at 1500 and 5000 

magnifications ............................................................................................................................................. 131 

Figure 71 Schematic presentation of polymerisation of 3-APPy ....................................... 132 

Figure 72 In-situ polymerisation of 3APPy onto drop sensor ............................................ 133 

Figure 73 SEM pictures of poly (3-amino propyl) pyrrole at (A) 5,000 and (B) 10,000 

magnifications……………………………………………………………………………………………………………………133 

Figure 74  Chemiluminescence analysis of (A) Homopolymer of 3APPy and (B) 

Copolymer of 3APPy………………………………………………………………………………………............134 

Figure 75 Cyclic voltammograms of 3APPy in 1M-Na+-TSA ............................................... 135 

Figure 76 FTIR spectra of poly (3-amino propyl) pyrrole .................................................... 136 

Figure 77 SEM analysis of poly (3APPy) film onto a) bare electrode b) poly (3-APPy) 

electrodeposited and c) poly (3-APPy) drop casted .................................................................... 137 

Figure 78 Nyquist plots of a poly(3APPy)-NG(+)ve modified electrode exposed to 

various concentrations of Neisseria gonorrhoea (+)ve .............................................................. 138 

Figure 79 Nyquist plots of negative control of poly(3APPy) modified electrodes 

exposed to various concentrations of NG (+)ve ............................................................................. 138 

Figure 80 Standard deviation graph of poly(3APPy)-NG(+)ve modified 

immunosensor……………………………………………………………………………………………………….139 

Figure 81 Nyquist plots of a poly(3APPy)-NG(-)ve modified electrode exposed to 

various concentrations of Neisseria gonorrhoea (-)ve ............................................................... 140 

Figure 82 Nyquist plots of negative control of poly(3APPy) modified electrodes 

exposed to various concentrations of NG (-)ve .............................................................................. 140 

Figure 83 Standard deviation graph of poly(3APPy)-NG(+)ve modified 

immunosensor……………………………………………………………………………………………………….141 



xviii 

 

Figure 84 Nyquist plots of a poly(3APPy)-Chlamydia modified electrode exposed to 

various concentrations of Chlamydia ................................................................................................ 142 

Figure 85 Nyquist plots of negative control of poly(3APPy) modified electrodes 

exposed to various concentrations of Chlamydia ......................................................................... 143 

Figure 86 Standard deviation graph of poly(3APPy)-Chlamydia modified 

immunosensor ............................................................................................................................................ 144 

Figure 87 Rct calibration curve of poly(4AMP) immunosensor comprising normalised 

values…………………………………………………………………………………………………………………….145 

Figure 88 Schematic presentation of the tyramine polymerisation................................. 149 

Figure 89 SEM pictures of polytyramine at (A) 4,000 and (B) 10,000 

magnifications………………………………………………………………………………………………………..150 

Figure 90 Cyclic voltammogram of polytyramine ................................................................... 151 

Figure 91 FTIR spectra of polytyramine ..................................................................................... 152 

Figure 92 SEM analysis of polytyramine film a) bare electrode b) PTyr 

electrodeposited and c) PTyr drop casted ....................................................................................... 153 

Figure 93 Nyquist plots of a polytyramine-NG(+)ve modified electrode exposed to 

various concentrations of Neisseria gonorrhoea (+)ve .............................................................. 155 

Figure 94 Nyquist plots of negative control of polytyramine modified electrodes 

exposed to various concentrations of NG (+)ve ............................................................................. 155 

Figure 95 Standard deviation graph of polytyramine-NG(+)ve modified 

immunosensor ............................................................................................................................................ 156 

Figure 96 Nyquist plots of a polytyramine-NG(-)ve modified electrode exposed to 

various concentrations of Neisseria gonorrhoea (-)ve ............................................................... 157 

Figure 97 Nyquist plots of negative control of polytyramine modified electrodes 

exposed to various concentrations of NG (-)ve .............................................................................. 157 

Figure 98 Standard deviation graph of polytyramine-NG(-)ve modified 

immunosensor……………………………………………………………………………………………………….158 



xix 

 

Figure 99 Nyquist plots of a polytyramine-Chlamydia modified electrode exposed to 

various concentrations of Chlamydia ................................................................................................ 159 

Figure 100 Nyquist plots of negative control of polytyramine modified electrodes 

exposed to various concentrations of Chlamydia ......................................................................... 159 

Figure 101 Standard deviation graph of polytyramine- Chlamydia modified 

immunosensor ............................................................................................................................................ 160 

Figure 102 Rct calibration curve of polytyramine immunosensor comprising 

normalised values ...................................................................................................................................... 161 

 

  



xx 

 

LIST OF TABLES 

Table 1    Some breath compounds and associated conditions ..................................................... 3 

Table 2    Analytical methods for human-breath analysis ............................................................... 4 

Table 3    Types and mechanisms of common electronic nose gas sensors ............................. 9 

Table 4    Preparation of 0.1 M sodium and potassium phosphate buffers ........................... .72 

Table 5    Dimensions of screen printed gold electrodes .............................................................. .74 

Table 6    List of antibodies ...................................................................................................................... .78 

  



xxi 

 

TABLE OF CONTENTS 

Chapter 1 Diagnostic Power of Odour ............................................................................................... 2 

1.1 Introduction .................................................................................................................................... 2 

1.2 Breath analysis ............................................................................................................................... 2 

1.3 Techniques for breath analysis ................................................................................................ 4 

1.4 Electronic nose ............................................................................................................................... 5 

1.4.1 Electronic aroma detection sensor types .................................................................... 5 

1.5 Vapour sensing materials ........................................................................................................... 6 

1.5.1 Metal oxide semiconductor............................................................................................... 6 

1.5.2 Polymers .................................................................................................................................. 7 

1.5.3 Carbon nanotubes ................................................................................................................ 8 

1.5.4 Metal-polymer composites ............................................................................................... 8 

Chapter 2 Quantum Tunnelling Composite (QTC) ...................................................................... 10 

2.1 Introduction .................................................................................................................................. 10 

2.2 Applications of QTC .................................................................................................................... 12 

2.3 Theory of vapour absorption and diffusion ...................................................................... 13 

2.3.1  Vapour absorption in polymers ................................................................................... 13 

2.3.2 Vapour sensing in conductive polymer composites ............................................. 14 

2.4 QTC –vapour sensing material ............................................................................................... 15 

Chapter 3 Analysis of QTC Vapour Sensor ..................................................................................... 17 

3.1 Chemicals ........................................................................................................................................ 17 

3.2 QTC Sensors ................................................................................................................................... 17 

3.3 Vapour sensing experiments .................................................................................................. 18 



xxii 

 

3.3.1 QTC sensor exposed to liquid VOCs ............................................................................. 18 

3.3.2 QTC sensor exposed to gaseous VOCs ........................................................................ 19 

3.4 Results and discussion .............................................................................................................. 20 

3.5 Conclusions .................................................................................................................................... 27 

3.6 Future research potential ........................................................................................................ 27 

Chapter 4 Introduction to Impedometric Immunosensors ................................................ 29 

4.1 Biosensors - general review .................................................................................................... 29 

4.2 Bio-receptors and immobilisation methods ..................................................................... 30 

4.2.1 Sensing elements ................................................................................................................ 31 

4.2.2 Transducer surfaces for electrochemical biosensors ........................................... 32 

4.3 Electrochemistry as a signal transduction for biosensor ............................................ 36 

4.3.1 Amperometry ....................................................................................................................... 37 

4.3.2 Potentiometry ...................................................................................................................... 38 

4.3.3 Impedance ............................................................................................................................. 40 

4.3.4 Voltammetry ......................................................................................................................... 41 

4.4 Other methods of signal transduction for biosensors ................................................... 43 

4.4.1 Optical transduction .......................................................................................................... 43 

4.4.2 Electromechanical transduction ................................................................................... 44 

4.5 Electrochemical impedance spectroscopy (EIS) ............................................................. 46 

4.5.1 Theory of electrochemical impedance spectroscopy for biosensors ............. 46 

4.6 Immunosensors for rapid detection of diseases ............................................................. 52 

4.6.1 Detection of sexually transmitted infections (STIs) .............................................. 54 

4.7 Aim of research study ................................................................................................................ 56 



xxiii 

 

Chapter 5 Immobilisation of Biomolecules ............................................................................... 57 

5.1 Introduction .................................................................................................................................. 57 

5.2 Surface functionalisation .......................................................................................................... 57 

5.3 Methods of immobilisation ...................................................................................................... 58 

5.3.1 Physical adsorption ........................................................................................................... 59 

5.3.2 Covalent immobilisation .................................................................................................. 59 

5.3.3 Electrochemical immobilisation ................................................................................... 60 

5.4 Immobilisation through amino groups of biomolecules .............................................. 60 

5.4.1 Functionalisation using activated ester ..................................................................... 60 

5.5 Immobilisation through sulphydryl groups of biomolecules ..................................... 62 

5.5.1 Maleimide Functionalisation .......................................................................................... 63 

5.6 Covalent and selective immobilisation of biomolecules .............................................. 65 

5.6.1 Antibodies.............................................................................................................................. 66 

5.7 Summary ......................................................................................................................................... 67 

Chapter 6 Materials and Methods ................................................................................................. 68 

6.1 Materials ......................................................................................................................................... 68 

6.1.1 General chemicals ............................................................................................................... 68 

6.1.2 Solutions ................................................................................................................................. 71 

6.1.3 Electrodes .............................................................................................................................. 73 

6.1.4 Conductive sensing layer ................................................................................................. 76 

6.1.5 Pathogens .............................................................................................................................. 77 

6.1.6 Antibodies.............................................................................................................................. 78 

6.2 Methods and techniques ........................................................................................................... 79 



xxiv 

 

6.2.1 Electrochemistry experiments ...................................................................................... 79 

6.2.2 Scanning electron microscopy (SEM) ......................................................................... 80 

6.2.3 FT-IR analysis ....................................................................................................................... 80 

6.2.4 Preparation of antibody for immunosensor ............................................................ 80 

6.2.5 Construction of immunosensor..................................................................................... 82 

6.2.6  Midland blotting ................................................................................................................. 86 

Chapter 7  Polypyridine Based Biosensors ..................................................................................... 88 

7.1 Introduction .................................................................................................................................. 88 

7.2 Polymerisation of 4AMP ........................................................................................................... 88 

7.2.1 Chemical polymerisation ................................................................................................. 88 

7.2.2 Electrochemical polymerisation ................................................................................... 90 

7.3 Characterisation of poly (4-aminomethyl) pyridine ..................................................... 92 

7.3.1 FTIR analysis ........................................................................................................................ 92 

7.3.2 SEM analysis of poly (4amp) modified surfaces ..................................................... 93 

7.4 Impedance studies of 4-amp based immunosensors .................................................... 93 

7.4.1 Test of poly (4-amp) based sensors against Neisseria gonorrhoea ................ 95 

7.4.2 Test of poly (4-amp) based sensors against chlamydia .................................... 100 

7.4.3 Calibration curves against increasing antigen concentrations ...................... 103 

7.5 Discussion ................................................................................................................................... 105 

Chapter 8 Polyanilines Based Immunosensors ........................................................................ 107 

8.1 Introduction ............................................................................................................................... 107 

8.2 Polymerisation of aniline ...................................................................................................... 108 

8.2.1 Chemical polymerisation .............................................................................................. 108 



xxv 

 

8.2.2 Electropolymerisation of polyaniline ...................................................................... 112 

8.3 Characterisation of polyaniline ........................................................................................... 114 

8.3.1 FTIR analysis ..................................................................................................................... 114 

8.3.2 SEM analysis of polyaniline modified sensor ....................................................... 115 

8.4 Impedance studies of polyaniline ...................................................................................... 116 

8.4.1 Impedance studies of different forms of polyaniline modified electrode . 116 

8.4.2 Test of polyaniline based sensors against Neisseria gonorrhoea ................. 117 

8.4.3 Test of polyaniline based sensors against chlamydia ........................................ 122 

8.4.4 Calibration curves against increasing antigen concentration ........................ 125 

8.5 Summary ...................................................................................................................................... 126 

Chapter 9 Poly (3-amino propyl pyrrole) Based Immunosensors .................................... 128 

9.1 Introduction ............................................................................................................................... 128 

9.2 Polymerisation of 3-aminopropyl pyrrole...................................................................... 129 

9.2.1 Synthesis of N-(3-amino propyl) pyrrole ............................................................... 129 

9.2.2 Chemical polymerisation of N-(3-Amino propyl) pyrrole ............................... 130 

9.2.3 Electropolymersation of N-(3-Amino propyl) pyrrole ..................................... 134 

9.3 Characterisation of poly (3-amino propyl pyrrole) .................................................... 135 

9.3.1 FTIR analysis ..................................................................................................................... 135 

9.3.2 SEM analysis of poly (3APPy) modified surfaces ................................................ 136 

9.4 Impedance studies of poly (3-APPy) based immunosensors .................................. 137 

9.4.1 Test of poly (3-APPy) based sensors against Neisseria gonorrhoea ........... 137 

9.4.2       Test of poly (3-APPy) based sensors against chlamydia

 ................................................................................................................................................................. 141 

9.4.3 Calibration curves against increasing antigen concentrations ...................... 144 



xxvi 

 

9.5 Summary ...................................................................................................................................... 145 

Chapter 10 Polytyramine Based Immunosensor.................................................................... 147 

10.1 Introduction ........................................................................................................................... 147 

10.2 Polymerisation of tyramine ............................................................................................. 148 

10.2.1 Chemical polymerisation .......................................................................................... 148 

10.2.2 Electropolymerisation ............................................................................................... 150 

10.3 Characterisation of polytyramine .................................................................................. 151 

10.3.1 FTIR analysis ................................................................................................................. 151 

10.3.2 SEM analysis of polytyramine modified surfaces ........................................... 152 

10.4 Impedance studies of polytyramine based immunosensors............................... 153 

10.4.1 Test of polytyramine based sensors against Neisseria gonorrhoea ........ 154 

10.4.2 Test of polytyramine based sensors against chlamydia .............................. 158 

10.4.3 Calibration curves against increasing antigen concentrations ................. 161 

10.5 Summary ................................................................................................................................. 162 

Chapter 11 Conclusions and Future Work ................................................................................ 164 

11.1 General conclusions ............................................................................................................ 164 

11.2 Future Work ........................................................................................................................... 170 

References .................................................................................................................................................... 173 

 

 

 



 

SECTION I 

QTC Vapour Sensor 

 

Section I of this thesis reports research on Quantum Tunnelling Composite (QTC) based 

sensors for use in a diagnostic application, specifically its potential as a chemical vapour 

sensor. By utilising the interaction between metal/polymer composite and solvent 

vapours, it was hoped that a sensor could be developed which could detect volatile 

organic solvent vapours. 
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CHAPTER 1 DIAGNOSTIC POWER OF ODOUR 

1.1 Introduction 

In recent years, the demand has grown in the field of medical diagnostics for simple and 

disposable devices that also demonstrate fast response times, are user-friendly, cost-

efficient, and are suitable for mass production. There exist certain materials that exhibit 

changes in their physical properties once exposed to liquids of chemical vapours. A 

vapour sensor is based on the principle of detecting changes and converting them into 

electrical signals via a suitable transduction mechanism. Polymers readily exhibit 

swelling in the presence of solvent vapours, which can be detected in many different 

ways. Thin film layers of gas-sensitive polymers are therefore at the centre of many 

gases and vapour sensor systems (Hands, 2003). 

Recent developments in gas-sensing technology and pattern recognition methods make 

electronic nose technology an interesting alternative for health care devices (Chen and 

Choi, 2013). 

The overall aim of this research work is to evaluate the potential of QTC composite as a 

vapour sensor which could be used in electronic nose as a point-of-care device for 

diabetes mellitus and pulmonary tuberculosis. 

1.2 Breath analysis 

Human breath is largely composed of oxygen, carbon dioxide, water vapour, nitric oxide, 

and numerous volatile organic compounds (VOCs) (Guo et al., 2010). The selective 

detection of various volatile compounds in human body odours is of great significance to 

early clinical diagnosis (Chen and Choi, 2013). The history of studying breath as a 

medical test is as old as medicine itself. Changes in the concentration of the molecules in 

VOCs could suggest various diseases. Similar to a fingerprint, every individual has a 

“breath print” that can provide useful information about his or her state of health. Such a 

print comprises thousands of molecules that are expelled with each breath we exhale.  
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During the last decade, a great number of clinical studies have been undertaken 

exploring the relationships between the chemical composition of exhaled air and 

patient’s clinical status. Main targets of these investigations were different lung diseases, 

inflammatory and malignant processes in the body, and special diseased states such as 

allograft rejection and renal failure (Miekisch et al., 2004). As new biomarkers of disease 

are discovered, use of the electronic nose for detection of such biomarker VOCs should 

become increasingly useful for breath analysis and clinical diagnoses (Wang, 2009). 

Table 1 lists some of the breath compounds and the conditions associated with them. 

Table 1    Some breath compounds and associated conditions 

Breath Compounds Associated Conditions 

Acetone Diabetes (Minh, 2012) 

Benzene,1,1-oxybis-, 1,1-biphenyl,2,2-diethyl, Furan,2,5-
dimethyl-, etc. 

Lung cancer (Phillips, 2007) 

Pentane and carbon disulphide 
Cystic fibrosis (McGrath, 
2000) 

Pentane, Carbon disulphide 
Schizophrenia (Phillips, 
1993) 

Nitric oxide (NO), Carbonyl sulphide, Carbon disulphide, 
Isoprene 

Lung diseases (Kharitonov, 
2004) 

Ammonia Renal disease (Fend, 2004) 

Nonane, 5-methyl tridecane, 3-methyl decane, etc. Breast cancer (Phillips, 2003) 

Research in the past few years has uncovered the scientific and chemical basis for such 

clinical observations and with the help of modern gas chromatography mass 

spectrometry (GC-MS) instruments, it is possible to identify thousands of unique 

substances in exhaled breath. Such substances include elemental gases, such as 

hydrogen, mono nitric oxide (NO), and carbon monoxide, and a vast array of volatile 

organic compounds (VOCs). Exhaled breath also carries aerosolised droplets that can be 
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collected as exhaled breath condensate that contains endogenously produced non-

volatile compounds, such as dissolved proteins. 

1.3 Techniques for breath analysis 

Several techniques have been developed for the detection and measurement of breath 

compounds, they can be categorised into three major groups: 

a) Methods based on gas chromatography coupled to mass spectrometry (GC-MS); 

b) Chemical sensors; and 

c) Laser-absorption spectroscopic techniques. 

Some analytical methods based on these techniques are listed into Table 2.  

 
Table 2    Analytical methods for human-breath analysis 

Analytical methods Marker Detection range 

GC/MS 

SIFT-MS 

Ion mobility 

Laser Direct analysis 

PTR-MS 

Sensor 

Sensor arrays 

Hydrocarbons, Aldehydes, Sulphides 

Ammonia, Ethanol 

Ammonia, Acetone, Isoprene 

Ethane, CO 

Isoprene, CO, Aromatic compounds 

Nitric oxide 

Different VOCs 

pptv–ppbv 

ppbv 

ppbv 

pptv 

pptv 

ppt–ppbv 

ppbv 

 

The sensitivity of these techniques in terms of limits of detection of volatile compounds 

in breath, tends to fall in a relatively wide range e.g. from parts per trillion (ppt) to parts 

per million (ppm) (Kim et al., 2012). 
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1.4 Electronic nose 

Electronic nose (EN) is the informal name for an instrument made up of chemical 

sensors combined with some sort of pattern recognition system, enabling discrimination 

and recognition of simple or complex odours (Gibson, 2000). The function of an EN is to 

mimic the mammalian olfactory system and produce a unique classification based on the 

volatile organic compounds (VOCs) present in the headspace gas being analysed (Kolk et 

al., 2010). 

 

Figure 1 Working flow of electronic nose 

A typical system shown in Figure 1 operates in three phases; gas collection, sampling, 

and data analysis with a subject first breathing into a gas-sampling bag. The collected 

gas is then injected into a chamber containing a sensor array where a measurement 

circuit measures the interaction between the breath and the array. Once signals are 

received they are filtered, amplified and sent to computer for further analysis.  

1.4.1 Electronic aroma detection sensor types 

The sensor array in an electronic nose performs very similar functions to the olfactory 

nerves in the human olfactory system. Therefore, the sensor array may be considered 

the heart and most important component of the electronic nose. The instrument is 

completed by interfacing with the computer central processing unit (CPU), recognition 

library and recognition software that serve as the brain to process input data from the 

sensor array for subsequent data analysis. A good sensor should fulfil a number of 

criteria. Such as sensor should have a highest sensitivity to the target group of chemical 

compound(s) intended for detection and with a threshold of detection similar to that of 

the human nose, down to about 10-12 g ml-1 (Baietto, 2009). There are different types of 

sensing materials utilised in electronic nose, including metal-oxides, semiconductive 
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polymers and conductive electroactive polymers, which are capable of direct electronic 

detection and identification of complex mixtures in sampled air (Wilson, 2004). 

There exist a variety of advantages and disadvantages of using various EN sensors based 

on their response and recovery times, sensitivities, detection range, operating 

limitations, physical size, inactivation by certain poisoning agents and other limitations 

which are specific to individual sensor types (Baietto, 2009). 

1.5 Vapour sensing materials 

Recently, gas sensing is receiving increasing attention in both industry and academia. 

Gas sensing technology has become more significant because of its widespread and 

common applications in the following areas: (1) industrial (methane detection in mines); 

(2) automotive industry (e.g. detection of polluting gases from vehicles); (3) medical 

applications (e.g. electronic noses simulating the human olfactory system); (4) indoor 

air quality supervision (e.g. detection of carbon monoxide); (5) environmental studies 

(e.g. greenhouse gas monitoring) (Liu, 2012). 

When exposed to liquids or chemical vapours, many materials may display a change in 

some of their physical properties. Such materials are being used for developing a gas or 

vapour sensor which detect any changes and convert them to electrical signals via a 

suitable transduction mechanism.  

1.5.1 Metal oxide semiconductor 

The most common sensing materials are metal oxide semiconductors, which provide 

sensors with several advantages such as low cost and high sensitivity. Sensors based on 

metal oxide semiconductors are mainly employed to detect target gases through redox 

reactions between the target gases and the oxide surface. This process includes two 

steps: (1) redox reactions during which O− distributed on the surface of the materials 

reacts with molecules of target gases, leading to an electronic variation of the oxide 

surface; and then (2) this variation is transduced into an electrical resistance variation 

of the sensors. The resistance variation could be detected by measuring the change of 

capacitance, work function, mass, optical characteristics or reaction energy. 
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Metal oxides, such as SnO2, CuO, Cr2O3, V2O5, WO3 and TiO2, can be utilised to detect 

combustible, reducing, or oxidising gases with sensors which are mainly based on the 

resistance change responding to the target gases. 

1.5.2 Polymers 

Generally, sensors based on metal oxide semiconductors exhibit significantly greater 

sensitivity to inorganic gases such as ammonia and a few VOCs such as alcohol (C2H5OH) 

and formaldehyde. However, there are certain VOCs which could cause adverse health 

effects when their concentration over a certain threshold cannot be detected by metal 

oxide semiconductor-based sensors. According to the different changes in physical 

properties, polymers used for gas sensing can be further classified into two groups: (1) 

conducting polymers, and (2) non-conducting polymers. 

1.5.2.1 Conducting polymers 

Conducting polymers (CPs) that can be used as gas-sensing materials include 

polypyrrole (PPy), polyaniline (PAni), polythiophene (PTh) and their derivatives. The 

conductivity of polymers can be improved through different processes of doping by 

redox reactions or protonation. After the doping process, polymers become conductors 

or semiconductors. The most important feature is that the doping level can be changed 

by chemical reactions between the polymers and target gases which make the detection 

of analytes based on these conducting polymers practical.  The polymers suitable for 

detecting different analytes are doped through redox reactions. 

1.5.2.2 Non-conducting polymer 

Polymers with different properties can be coated onto respective transducers. Non-

conducting polymers such as polyimide have been widely utilised as absorptive coatings 

on different sensor devices. Once coated, polymer layers can change resonance 

frequency, dielectric constant and enthalpy upon absorption/desorption of analytes 

which can be converted into an electrical signal output. 

Polymer-based gas sensors have advantages such as high sensitivities and short 

response times. Furthermore, while operation temperatures of metal oxide 
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semiconductor-based sensors are usually more demanding whereas polymer-based 

sensors operate at room temperature. Polymer-based gas sensors also have some 

disadvantages such as long-time instability, irreversibility and poor selectivity (Liu et al., 

2012). 

1.5.3 Carbon nanotubes 

Conventional sensing materials such as metal oxide semiconductors are often associated 

with the problem of poor sensitivity at room temperature, while carbon nanotubes 

(CNTs) attract more attention because of their unique properties and have become the 

most promising materials for high-sensitive gas sensors. As a promising sensing 

material, CNTs possess electrical properties and are highly sensitive to extremely small 

quantities of gases such as alcohol, ammonia (NH3), carbon dioxide (CO2) and nitrogen 

oxide (NOx) at room temperature, while other materials such as metal oxides have to be 

heated in order to operate normally. The high sensitivity of CNTs eliminates the need of 

assisting technologies such as pre-concentration, and contributes to the advantages of 

low cost, low weight and simple configuration (Liu et al., 2012). 

1.5.4 Metal-polymer composites 

Typically, metal-polymer composites consist of a conductive powder mixed into a non-

conductive polymeric matrix. Filler powders vary greatly in their shape, size and 

composition. Metallic filler powders are often chosen, offering a wide variety of 

electrical and magnetic properties. Examples include silver, gold, copper, nickel and zinc. 

However, carbon black and other furnace-blacks are usually favoured due to their low 

cost, wide availability and good conductive properties. More recently, carbon nano-

tubes have also been incorporated into such composite systems. Filler particle sizes 

range from nano-scale to hundreds of microns, and have wide morphological variety. 

The insulating matrix may be formed from any non-conducting material, but is usually a 

polymer. Examples include poly (ethylene), poly(urethane) and natural rubber. The 

polymer is normally non-conducting, but conducting polymers have also been used. 

Polymers are primarily chosen according to their wetting ability and mechanical 

properties. Polymer blends are also often used to help obtain a composite with the 

desired physical and electrical characteristics. The presence of conducting particles 

within a metal-polymer composite imparts improved electrical properties upon the 
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material. These properties can be adjusted either by simple alteration of the respective 

component materials, or by changing the loading ratio of filler in the polymer. The most 

important property of such composites is their change in resistivity when subjected to 

mechanical distortions. Compressing the composite causes the conductivity to increase, 

whilst conversely, stretching causes a decrease in conductivity. In addition, such 

materials display sensitivity to changes in temperature, often displaying a positive 

temperature coefficient of resistance (PTCR) effect. 

A summary of the types and mechanisms involved with some common gas sensor 

technologies are listed in Table 3. 

Table 3    Types and mechanisms of common electronic nose gas sensors 

Sensor Type Sensitive material Detection principle 

Acoustic sensors: Quartz crystal 

microbalance (QMB); surface & bulk 

acoustic wave (SAW , BAW) 

Organic or inorganic 

film layers 

Mass change (frequency 

shift) 

Calorimetric; catalytic bead (CB) Pellistor Temperature or heat 

change (from chemical 

reactions) 

Colorimetric sensors Organic dyes Colour changes, 

absorbance 

Conducting polymer sensors Modified conducting 

polymers 

Resistance change 

Electrochemical sensors Solid or liquid 

electrolytes 

Current or voltage change 

Fluorescence sensors Fluorescence sensitive 

layer  

Fluorescence light 

emission 

Infrared sensors IR sensitive detector Infrared radiation 

absorption 

Metal oxides semi conducting  Semi-conducting 

metal oxides (SnO2, 

GaO) 

Resistance change 

Optical sensors Photodiode, light 

sensitive 

Light modulation, optical 

changes 
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CHAPTER 2 QUANTUM TUNNELLING COMPOSITE (QTC) 

2.1 Introduction 

Peratech, the company is a high-tech materials development company, based in 

Darlington, UK. In 1997 they invented a new form of metal-polymer composite, which 

has named Quantum Tunnelling Composite (QTC) (Hands, 2003). The material made by 

patented manufacturing process gives rise to a composite with unique electrical 

properties. The composite is intrinsically electrically insulating, but drastically increases 

its conductivity over many orders of magnitude, when subjected to mechanical 

deformation, such as compression, tension, bending or torsion. This is contrary to most 

standard composites whose conductivity increases only under compression, whilst 

tension results in a decrease in conductivity. At very large strains however, an 

irreversible conductivity increase is sometimes observed in standard composites. Under 

such extreme conditions, severe and irreversible narrowing of the polymer occurs, as 

the material’s behaviour changes from elastic to plastic. The result of this narrowing 

may then give rise to a permanent conductivity increase, as metallic particles are pushed 

closer together. 

The properties of various composites comprising electrically conductive particles 

dispersed in an insulating polymer matrix have been studied for over 50 years. Carbon 

and metal powders, e.g. Ni, Cu, Ag, Al and Fe, have all been used as fillers. Carbons 

utilised include carbon nanotubes, carbon fibre, graphite, pyrolytic carbons and carbon 

blacks, the latter having large variations in purity and morphology. The metal powders 

offer well-defined morphology and a higher intrinsic conductivity than carbon black. In 

general, at low filler content the conductive particles are well separated and the 

composite is insulating, with an electrical conductivity only slightly higher than that of 

the polymer. Initially, the conductivity increases slowly with filler concentration, but 

then rises rapidly over a narrow concentration range to give a high conductivity with 

only a weak dependence on further increase in filler concentration (Bloor, 2006). 

QTC however, is unique in that it displays a fully reversible conductivity increase with 

increasing tension at low strains as well as the extreme high strain case described above. 

In addition, QTC displays extreme sensitivity to such deformations, changing its 
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resistivity over many orders of magnitude. This is far in excess of the ranges displayed 

by standard, conventional metal-polymer composites. Peratech has developed a variety 

of QTC materials by using different fillers consisting of nickel powder and copper. Along 

with various fillers the polymer type has also been varied. The standard composite uses 

silicones, but in QTC material other polymers including poly(urethane), poly(butadiene), 

poly(iso-butyl acrylate) poly(vinyl alcohol) and poly(acrylic acid) have been used. 

 

Figure 2 A typical nickel particle used in QTC™ materials 

QTC composite contains nickel particles of diameter 1 – 10 m with sharp nano-scale 

projections, as shown in Figure 2 (Graham, 2008). The nickel particle has a spiky surface 

morphology, with clearly visible surface protrusions. These nanoscale features give the 

material unusual electrical properties. This is in contrast to most other metal polymer 

composites made from a variety of materials including copper, silver, zinc and more 

commonly carbon black particles. These more typical composites generally have 

smoother surface profiles and conduct through a mechanism described by percolation 

theory, where charge is transferred between particles in close proximity, standard QTC 

does not. Due to the spiky nature of the Nickel particles, high electric fields are produced 

at the tips of the spikes which allow conduction described by the Fowler-Nordheim 

tunnelling mechanism. Furthermore, the particles are fully wetted in the polymer matrix 

so at high filler concentrations there is no direct contact of the particles and conduction 

is primarily through field assisted quantum tunnelling across relatively thick barriers 

(Bloor, 2006). The structure provides unique electronic behaviour including high 

resistivity above the expected percolation threshold and an exponential increase in 
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conductivity over several orders of magnitude under all types of mechanical 

deformation (Hands, 2003). 

2.2 Applications of QTC 

QTC is currently employed in a number of different applications in commercial, 

industrial and scientific areas. The first and probably most widespread use of QTC is as a 

switch in wearable electronic systems, utilising transition from high to low resistance 

under applied pressure. It is also employed as a pressure sensor in electrical devices. 

The exponential response of QTC to deformation allows for very sensitive touch 

response in the material. Variation of nickel loading and blending of additional materials 

can be used to tune the QTC into a specific sensitivity range. A further property of the 

QTC that lends itself to application is that the field assisted tunnelling conduction 

mechanism is noncontact (Graham, 2008). 

One of the potential applications for the QTC presented in the later parts of this study is 

as a chemical vapour sensor. The intrinsically conductive sensors presented later 

showed a significant electrical response in the presence of chemical vapours. The use of 

a number of different sensors all tuned slightly differently can be employed to give a 

fingerprint that can characterise a certain combination of gasses. With some careful 

calibration and a data bank of known vapour responses, this setup could be used as an 

artificial olfactory system known as electronic nose. 

Polymers are particularly useful as vapour sensing elements due to their ease of 

manufacture and broad chemical variety. Polymers readily exhibit swelling in the 

presence of solvent vapours, which can be detected in many different ways. Conducting 

polymer shows a change in resistivity in the presence of solvent vapours. This is 

sometimes due to a polymer swelling effect. However, analytes may also cause oxidation 

or reduction of the polymer chain, giving rise to a change in charge carrier mobility, and 

therefore a change in conductivity. The most common polymers employed for such 

sensors are poly (pyrrole), poly (aniline) and poly (thiophene). Conducting polymer 

sensors have the advantage that they are easy to produce and have a rapid response and 

recovery. However, problems with drift of the electrical baseline and of sensitivity to 

humidity still need to be addressed (Hands, 2003). 
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This chapter will outline a number of relevant theories concerned with vapour 

absorption and diffusion through polymer material. 

2.3 Theory of vapour absorption and diffusion 

Solvent penetration into a metal-polymer composite may cause an electrical 

conductivity change via number of different mechanisms. Electrochemical interactions 

may occur between solvent and polymer, and also between solvent and metallic filler 

particles. Charge may be donated or accepted by solvent molecules, resulting in a change 

in the quantity of charge available for conduction. Alternatively, the work function of the 

polymer may be modified, thus affecting tunnelling probabilities. In addition, the 

capacitive and dielectric properties of the material are likely to be modified. Changes in 

ionic conductivity may also result, especially where polar solvents are concerned. 

However, all of the above effects are usually negligible compared to polymer swelling, 

which dominates wherever solvents and elastomers are present within the same system. 

Whatever the transduction mechanism is utilised in an effective sensor, the electrical 

response to the test vapour should be fast acting and fully reversible. Stable baselines 

and repeatable responses are required, with large signal to noise ratios. The signal 

should also be proportional in some way (preferably linearly) to the concentration of the 

test vapour, if effective quantitative analysis is to be performed. In addition, for 

qualitative analysis, a wide variety of responses should be obtainable from many 

different polymer solvent combinations. 

2.3.1  Vapour absorption in polymers 

The response of a polymer after exposure to a solvent vapour is governed by absorption 

thermodynamics and diffusion of the solvent into the polymer. Diffusion of the vapour 

into the polymer results in mixing between the polymer and vapour molecules which 

increases the entropy of the system. However, the absorbed vapour molecule also cause 

dilation of the polymer and reduces the number of possible orientations of the polymer 

chains. As the chains orientate to decrease their entanglement, the order of the system 

increases and thus the entropy decreases. In order for the vapour-polymer reaction to 

occur, the entropy decrease caused by polymer swelling must be overcome by the 
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entropy increase caused by the vapour-polymer mixing process. Only then more solvent 

can be absorbed. If the polymer swelling contribution outweighs that of the mixing 

process, no more vapour is absorbed (Hands et al., 2013). 

In 1936 Joel H. Hildebrand proposed the square root of the cohesive energy density as a 

numerical value indicating the solvency behavior of a specific solvent as shown in 

equation 1. 

 v –RT) /Vm ] ½    (1) 

Where  is solubility parameter, ΔH is heat of vaporisation, R is gas constant, T is 

temperature and Vm is molar volume.  

Solubility parameters can be used to determine the solubility of polymers and solvent 

pairs. The following relationship can be used to estimate how compatible a polymer-

solvent pair is. If the square root of the value of the solubility parameter of the solvent, 

s, minus the solubility parameter of the polymer, p, is less than 1, then the solvent will 

most likely dissolve the polymer. This is summarised in equation 2. 

 s – δp)) 1/2 ≤ 1    

Where δ is the Hildebrand solubility parameter, and the subscripts s and p refer to the 

solvent and polymer respectively. For a value less than 1, the solvent will dissolve the 

polymer (Dempsey et al., 2013). 

2.3.2 Vapour sensing in conductive polymer composites 

Composites consisting of electrically conductive filler particles dispersed in an insulating 

matrix have been studied for over 60 years, where typical fillers include carbon black, 

expanded graphite and carbon nanotubes. The filler loading affects the intrinsic 

conductivity of the composite; for a loading at or above the percolation threshold the 

conductivity is seen to increase dramatically. This is primarily explained by percolation 

theory or effective medium models. Under exposure to a vapour, the polymer matrix 

may swell, increasing the distance between neighbouring filler particles so that the 

electrical conductivity of the composite decreases. Swelling of the polymer is greatest 

when there is a match between the solubility parameter of the polymer and that of the 
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vapour. Each element in an array of sensors can be designed to give an optimum 

response to collection of chemical vapours, thus producing an electronic nose. The 

typical response time is usually of the order of a few minutes. The largest responses are 

produced by operating the system close to the percolative conduction threshold. 

However, near the percolation threshold, small changes in filler content result in large 

changes in electrical response so that it becomes difficult to produce reliable sensors 

capable of giving repeatable results. Here, the material consists of nickel particles fully 

wetted by a silicone elastomeric binder. Because the nickel particles are completely 

wetted by the polymer, even at loadings above the percolation threshold there is no 

direct contact between adjacent particles and the material has a very high resistance. 

However, upon any mechanical deformation, the material has been shown to exhibit a 

very large decrease in resistance. For example, during compression the sample’s 

resistance can fall by a factor of > 1014. It has also been shown that charge concentration 

at the tips of the spiky filler particles results in large electric fields, so that charge 

transport occurs through field-assisted quantum tunnelling rather than by direct contact 

between the particles. 

The granular form of QTC material can be used to produce a vapour sensor. The 

granules are further mixed into an additional polymer matrix, which binds and 

compresses the granules so that, as-made, the sensor has a low start resistance. Under 

exposure to a vapour, the polymer swells and releases the pressure on the granules, 

causing an increase in resistivity. The field-assisted quantum tunnelling mechanism 

means that the observed response is typically large (Graham, 2008). 

2.4 QTC –vapour sensing material 

Previous work on QTC material in a granular form has shown that the electrical 

resistance of the granules can change over several orders of magnitude upon exposure 

to a range of VOCs, where the response time is typically of the order of few seconds. 

Additionally, work by Graham et al investigated the dispersion of QTC granules in a host 

polymer, producing an ink material that can be printed onto electrodes, in order to 

create a basic electronic nose (Hands et al., 2012). Peratech Ltd. already holds a patent 

regarding the vapour sensing properties of this material. Further development of this 
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material may make it suitable for screen printing, allowing an electronic nose to be 

printed onto a wide range of base materials quickly and cheaply. Inkjet printing has 

shown to be a viable option for other vapour sensors, for example polythiophene 

conductive polymers (Dempsey et al, 2013).  
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CHAPTER 3 ANALYSIS OF QTC VAPOUR SENSOR 

A series of experiments were performed to investigate the response of QTC sensor, to 

acetone and ammonia vapours. The QTC sensor response was recorded and the obtained 

data was used to determine the practical applicability of QTC in a vapour sensing device. 

3.1 Chemicals 

Acetone (96%) was obtained from Sigma Aldrich whereas ammonium hydroxide (37%) 

was supplied by Acros organics. Both reagents were used without further purification. 

3.2 QTC Sensors 

Peratech, The company provided two types of fully fabricated QTC sensors based on 

size. The smaller sensor was of 5mm and the larger sensor ranges 15mm. Both sensors 

were printed on polyester film and had interdigitated electrodes with silver connectors 

as shown in Figure 3. 

 

 

Figure 3 QTC vapour sensors 

The vapour sensing unit used to expose QTC sensors to solvent vapours was designed 

and built in laboratory as schematically shown in Figure 4. 
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Figure 4 Laboratory setup for vapour sensing experiments 

The experimental setup comprised of Büchner flask sealed with parafilm and a rubber 

stopper to prevent escape of volatile vapours. QTC sensor was connected to digital 

multimeter and inserted into the flask through wires to record any change in resistivity 

while sensor exposed to volatile compound (VC). To recorde any change in resistivity 

small volume of known concentration of particular VC was added into the flask through 

syringe and the flask was placed onto the hot plate for rapid evaporation of solvent. 

Once initial and final readings were obtained the experiment was repeated with higher 

concentration until a set of concentrations are tested against QTC sensors. 

3.3 Vapour sensing experiments 

It is important to identify solvent vapours which readily create significant response in 

order to investigate the effects of the variables of sample composition. Initially two 

volatile compounds (VC’s) acetone and ammonia were considered for exposure. A series 

of experiments were performed to investigate the response of QTC sensor against 

selected VC’s in liquid and gaseous forms. The results obtained after exposure are 

discussed in detail in the later part of this chapter. 

3.3.1 QTC sensor exposed to liquid VOCs 

The first set of experiment was based on various concentrations of aceone exposed to 

both 5mm and 15mm QTC sensors. Initially a set of solutions were prepared in distilled 
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water with concentration ranging from 0.1 ppm to 100,000 ppm for acetone and 

ammonia, respectively. 

The initial resistance of the QTC sensor was recorded before exposure to any solution. 

After recording the initial resistance, the lowest concentration (0.1ppm) acetone 

solution was exposed to the sensor and change in resistivity was recorded. After the 

exposure, the sensor was purged with nitrogen (inert) gas to regain the initial 

resistance. Once the sensor regain steady reading it was exposed to second 

concentration of acetone comprising 0.5ppm. The whole procedure was repeated with 

each of the acetone concentrations and data was recorded for further interpretation and 

analysis. In addition, QTC sensor was also tested against various concentrations of 

ammonia and change in resistance was recorded. 

3.3.2 QTC sensor exposed to gaseous VOCs 

After the study involving QTC sensor exposed to liquid solutions, it was found that water 

vapours had remarkable effect. It was found that the resistivity kept increasing because 

of the vapour pressure. A repeat set of experiments were performed under the same 

reaction conditions but results varied significantly. It was obvious that water vapours 

had a significant effect on the resistance of sensors. Therefore, the next task was to 

eliminate the effect of water vapours by studying the sensors in gaseous form. 

As the second series of experiments were aimed to eliminate water vapour, therefore 

volume of air in the flask (250ml) was employed to dilute the VOC to desired 

concentration instead of water. The flask was placed on the hot plate for rapid 

evaporation as shown in Figure 4. The initial resistivity of QTC sensor was recorded 

before exposing to vapours. The same procedure was followed as mentioned previously. 

Approximately 0.1 ml of selected VC was added into the flask and any change in 

resistivity was noted after complete evaporation of liquid acetone. Once steady 

resistance was obtained another volume of 0.1 ml of acetone was added into the flask 

and change of resistivity was recorded. The data obtained through exposing gaseous 

forms of acetone and ammonia concentrations ranging from 1ppm to 100,000ppm for 

both types of sensor was interpreted through graph discussed in detail under results 

and discussion. 
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3.4 Results and discussion 

The exposure of QTC sensor to volatile solvent showed a different response magnitude 

for each vapour type, which is promising as a potential future application. However, 

time constraints lead to only acetone and ammonia vapours being used as the test 

vapours for initial experiments. Both acetone and ammonia generated the largest 

response magnitude upon exposure to the QTC sensor, and as such, they were selected 

as volatile compounds. The vapour sensors developed using compressed granules 

showed large, fast response to a range of organic vapours over a wide range of vapour 

concentrations. However the design of the experimental setup meant that repeatability 

of sample conditions was poor. It was difficult to obtaining the same starting resistance 

with both 5mm and 15mm QTC sensor. 

QTC sensors exposed to various concentrations of ammonia and acetone exhibited that 

there is considerable effect of water vapours on the resistivity therefore to obtain a 

baseline and minimise the effect of water on the volatile vapours QTC sensors were 

exposed to deionised water. The change in resistance was recorded and all of the values 

were taken in k. Once exposed to water, the QTC sensor exhibited a remarkable change 

in resistivity which kept increasing with the passage of time. 

The magnitude of peak response was measured for each set of experiments. The 

magnitude was calculated as the difference between resistance values immediately 

before exposure (initial resistance Ri) and immediately before purging is initiated (final 

resistance Rf). Thus the difference R = Rf - Ri can be calculated for each response of the 

sensor to each exposure. In order to interpret the data from different concentrations 

with different start resistances, the response was normalised by dividing difference by Ri 

resistance values, a R/Ri value for each response was therefore used in data analysis. 

The normalised resistivity values of both 5mm and 15mm QTC sensors were plotted 

against various concentrations. Figure 5 shows the change in resistivity of both types of 

QTC sensors against various liquid concentrations of acetone. It is apparent that the 

resistivity of 5mm QTC sensors increased as the concentration increased but started to 

decrease at the highest concentration. Compared to that, the resistivity pattern of the 

15mm QTC sensor remained almost the same. There was a consistent increase in 
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resistivity along with increase in acetone concentration which increased sharply at 

highest concentration. To investigate the change in resistivity at lower concentration, 

the data was plotted on an expanded scale as shown in Figure 5(b).  

 

Figure 5 Change in resistance of QTC Sensors (5mm &15mm) exposed to various 
acetone concentrations in water 

Similarly, the normalised resistivity values of 5mm and 15mm QTC sensors were plotted 

against various liquid concentration of ammonia. There was steady increase in 

resistivity along with concentration for both types of sensor as shown in Figure 6. 

Similarly the changes in resistivity at lower concentration were plotted to highlight the 

smaller changes seen in Figure 6(b).  

A possible explanation for such a change in resistance could be explained on the basis of 

interactions between gas molecules and QTC sensors. Previous studies have shown that 

polymers swells once exposed to VOCs vapours. The swelling of polymer after vapour 

absorption could be detected through change in resistivity. In the case of QTC sensors 

the extent of swelling is based on filler loading density. Any swelling in the QTC material 

causes the filler density fall below the percolation threshold, producing the large 

response. The electrical response obtained through swelling of material is directly 

proportional to vapour concentration. 
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Figure 6 Change in resistance of QTC Sensors (5mm &15mm) exposed to various 
ammonia concentrations in water 

It was also found that QTC vapour sensors had high sensitivity towards water vapours. 

Water vapours had remarkable effect and because of the vapour pressure the resistivity 

increased which indicates the saturation of the polymer matrix. Furthermore, it is also 

found that different vapour types can generate varying degree of swelling within the 

same material which explains the change in resistivity pattern of acetone and ammonia 

concentrations. Once a polymer is exposed to any volatile compound, the weight of the 

polymer could increases gradually along with the time. The full dynamics behind the 

response to vapour absorption could be discussed by referring to Case-II diffusion 

(Graham, 2008). 

Case-II diffusion can be divided into two stages, the initiation stage where solvent 

concentration builds closer to the polymeric surface and front formation occurs and 

later stage where the concentration at front propagates linearly. The rate of solvent 

absorption is comparable to the swelling rate controlled by the steady deformation of 

the surrounding polymer. The deformation is subsequently dependant on the vapour 

pressure of the solvent which drives the swelling and viscoelasticity of the polymer. 
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It has been shown that there could be large decrease in viscoelasticity and increases in 

diffusivity over just a small change of solvent concentration. These changes are caused 

by plasticisation of the polymer upon absorption of the solvent. The solvent absorption 

causes a decrease in polymer relaxation times, ranging from long times associated with 

glassy behaviour, to short times associated to rubbery behaviour. 

The solvent vapours occupy regions of space between polymer chains. If we consider the 

polymer in the glassy state, the polymer chains are in a random close-packed 

arrangement therefore it has less free volume. Thus, if the concentration, or volume 

fraction, of solvent is greater than the volume fraction of free volume then there is a 

resistance of the polymer to absorption and relaxation times are longer and the polymer 

chains will have limited space to move apart. If the polymer is at a temperature above its 

glass transition temperature and rubbery in nature, its molecular chains can readily 

move apart by processes involving rotation of the main chains and so concentration 

equilibrium is obtained very quickly. 

Once the QTC sensor was exposed and change of resistance was recorded, the sensors 

were purged with nitrogen and resistance started to drop again. The rate of recovery 

was much slower than the rate of response. This could be attributed to different vapour 

concentration differentials between the two regimes which describe a wave-front 

propagating through a material with a concentration gradient driving it into the polymer. 

However, upon leaving the polymer there was no wave front and so solvent molecules 

are drawn out because of a concentration gradient caused by the differences of vapour 

pressure inside and outside of the polymer material of the analyte. 

After QTC sensor was purged for 10 minutes, it was exposed to sample again. This time 

the sample did not return to its original start resistance upon recovery. The subsequent 

responses recovered to a consistent baseline after the second exposure. The step up 

from the start to the baseline through the rest of the responses was attributed to stress 

relaxation in the polymer upon first exposure. 

Upon first exposure, the molecular chains in the polymer expanded due to swelling 

which reduces the entropy of the system. After the first purge the polymer chains are 

relaxed and reformed to a more energetically favourable formation that was different to 

the initial conditions. This was a one off occurrence and was only seen in the first 
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response as subsequent expansions then returned to the new configuration during 

purging. 

After being exposed to VC concentrations in water both QTC sensors were exposed to 

gaseous vapours of acetone and ammonia changes in resistance were recorded as shown 

in Figures 7 and 8 respectively. Once water vapour effect was eliminated a linear change 

in resistance was obtained against each VC. It shows that the QTC vapour sensors are 

concentrations dependent as there is larger response for higher concentrations. 

The graph shown in Figures 7 and 8 shows two distinct trends in the data, a “low 

concentration” region, 100 ppm and a “high concentration” region 100,000 ppm. This 

suggests that the trends relate to the fundamental absorption physics rather than any 

polymer specific attributes. In order to further justify the relation to Case-II diffusion, 

study shown by Hui (1987) was taken into consideration. 

 

Figure 7 Change in resistance of QTC Sensors (5mm & 15mm) exposed to acetone 
vapours 

The repeated experiments of both types of QTC sensors 15mm and 5mm exposed to 

various concentrations of selected volatile compounds showed considerable variation 

over each experiment therefore a calibration bar graph was constructed to calculate 

standard mean deviation.  
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Figure 8 Change in resistance of QTC Sensors (5mm & 15mm) exposed to ammonia 
vapours 

It is proposed that in the low concentration regime the conduction is not in fact a direct 

result of swelling in the polymer, but a result of changing dielectric permittivity, acting 

against the swelling induced resistance increase. The dielectric constant of the vapour 

analyte acetone is 20.7 and of ammonia 16.5. The dielectric constants for both analytes 

are higher than that of the silicone rubber in the QTC sensor which is 2.81. Therefore, 

upon absorption the polymer matrix experiences an induced permittivity increase. This 

decreases the energy barriers for charge transport and therefore acts as a counter to the 

resistance decrease caused by swelling. In order for this effect to occur, there can only 

be a very small amount of swelling, with the absorbed analyte molecules filling voids 

within the polymer matrix to provide an effective increase in overall dielectric constant. 

As the concentration increases so does the swelling, countering the effects of the 

dielectric change. The void filling mechanism will remain dominant until the degree of 

swelling outweighs it. This hypothesis is supported by similar work conducted on 

vapour absorbing conductive polymers by Krasteva, Hands and Graham (Hands, 2003; 

Graham, 2008; Krasteva, 2007). 

Figure 9 shows the standard deviation of QTC sensors against selected concentrations of 

acetone. There was very high deviation of results among experiments repeated for 
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multiple times. Figure 9 (a) represents standard deviation of 5mm QTC sensor whereas 

Figure 9 (b) represents standard deviation of 15 mm QTC sensor against various 

concentration of acetone.  

 

  

 

Figure 9 Standard deviation of QTC sensors (a) 5mm QTC sensor (b) 15 mm QTC 
sensor 
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3.5 Conclusions 

The aim of this research work was to investigate and develop the use of intrinsically 

conductive QTC vapour sensors, in order to assess their potential for use in the 

electronic nose. Similar to other conductive polymer composites, comprising an 

electrically conductive filler particle embedded in a polymer matrix, QTC granules 

exhibit an increase in resistance upon the exposure to volatile vapours. However, the 

resistance of these granules may increase by over 8 orders of magnitude in a time of 

typically a few seconds, which offers a vast improvement over other polymer 

composites where the response is smaller and over a longer period of time. QTC 

materials have been shown to undergo field-assisted quantum tunnelling, rather than 

direct percolative conduction, aided by the nano scale surface morphology which allows 

charge build-up at the spiky tips on the nickel particles. This gives them an increased 

sensitivity. Sensors made from QTC granules bound in a PVC polymer had been tested 

with high concentrations of ammonia and acetone vapours. 

In summary, QTC sensor exhibit great potential for application in a number of different 

sensing areas. The conduction mechanisms within the material provide extreme 

sensitivity in the QTC vapour sensors, making it unique to other materials used in 

similar applications. 

3.6 Future research potential 

Future work could aim to expand on the preliminary results reported here in order to 

fully assess the repeatability of the sensor response to ammonia and acetone vapours. 

As sensor aging might cause an effect, which cannot be explained by the difference in the 

test vapour concentration alone, a range of experiments should be designed in order to 

fully characterise the effect of aging on the QTC granular sensors. Heat treatment may be 

used to give an accelerated aging process.Furthermore, a wider range of VOCs may be 

tested, to further investigate the role of solubility parameters in characterising the 

magnitude of the observed response. 

Despite the interesting results seen, the study on QTC vapour sensor was discontinued 

due to a confidentiality issue between Peratech and Ministry of Defence. 
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CHAPTER 4 INTRODUCTION TO IMPEDOMETRIC 

IMMUNOSENSORS 

4.1 Biosensors - general review 

Control of diseases is essential to improve in the quality of our lives, which is greatly 

dependent on diagnosis by monitoring various biochemical compounds in the body fluid. 

The diagnosis of a disease by measuring the constituents in the body fluids first took 

place in the middle ages. For example, diabetes mellitus was first diagnosed by tasting 

the sweetness of urine. The monitoring of the biochemical compounds in the body fluid 

require typical analytical methods for biochemical test, experts to run the tests, and time 

for performing clinical tests. Since the levels of various compounds in a body system are 

directly related to some diseases, it is possible to monitor the progress of diseases by 

monitoring the concentration of these compounds. Therefore, continuous, fast, and 

sensitive monitoring is required to measure concentration of the body fluid efficiently. 

Diagnostics methods must be simple, sensitive and able to detect multiple biomarkers 

that exist at low concentrations in biological fluids or samples. In recent years, the 

demand has grown in the field of health care for simple and disposable devices that also 

demonstrate fast response times, are user-friendly, cost-efficient, and suitable for mass 

production.  Biosensor technologies offer the potential to fulfil these criteria through an 

interdisciplinary combination of approaches from nanotechnology, chemistry and 

medical science. However, biosensor devices need to be further developed and 

improved to face these new challenges to allow, for example, multiplex analysis of 

several biomarkers where arrays of sensors need to be developed on the same chip. In 

this context, electrochemical biosensor is a promising analytical method for sensitive 

and selective detection of biomolecules (Shruti et al., 2011). 

A biosensor is generally defined as an analytical device which converts a biological 

response into a quantifiable and processable signal. Figure 10 adapted from Grieshaber 

et al.,2008 shows schematically the parts comprising a typical biosensor: a) bioreceptors 

that specifically bind to the analyte; b) an interface architecture where a specific 

biological event takes place and gives rise to a signal picked up by c) the transducer 
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element; the transducer signal is converted to an electronic signal and amplified by a 

detector circuit using the appropriate reference and sent for processing by d) computer 

software to be converted to a meaningful physical parameter describing the process 

being investigated; finally, the resulting quantity has to be presented through e) an 

interface to the human operator. Biosensors can be applied to a large variety of samples 

including body fluids, food samples, cell cultures and be used to analyse environmental 

samples (Grieshaber et al., 2008). 

 

Figure 10 Elements and selected compounds of a typical biosensor 

 

4.2 Bio-receptors and immobilisation methods 

Biosensors may be classified according to the biological specificity conferring 

mechanism, or to the mode of signal transduction or, alternatively, a combination of the 

two. Figure 11 shows typical biosensor transduction techniques and some bio-receptors 

in a hierarchical format.  Biological elements include enzymes, antibodies, micro-

organisms, biological tissue, and organelles. The method of transduction depends on the 
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type of physicochemical change resulting from the sensing event (Lu et al., 2011). The 

most commonly used sensing elements and transducers are described as follows. 

 

Figure 11 Biosensor transduction techniques coupled with bio-receptors 

 

4.2.1 Sensing elements 

4.2.1.1 Enzymes 

Enzymes are proteins having high catalytic activity and selectivity towards substrates 

(Cheng et al., 2007).  Their commercial availability at high purity levels makes them very 

attractive for mass production of enzyme sensors. Their main limitations are that pH, 

ionic strength, chemical inhibitors, and temperature affect their activity. Enzymes have 

been immobilised at the surface of the transducer by adsorption, covalent attachment, 

entrapment in a gel or an electrochemically generated polymer, in bilipid membranes or 

in solution behind a selective membrane and are commonly coupled to electrochemical 

and fibre optic transducers. 
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4.2.1.2 Antibodies 

Antibodies are proteins that show outstanding selectivity. They are produced by b-

lymphocytes in response to antigenic structures, that is, substances foreign to the 

organism. Molecules larger than about 10 kDa can stimulate an immune response. 

Smaller molecules for example vitamins or steroids can be antigenic but they do not 

cause an immune response unless they are conjugated to larger ones like bovine serum 

albumin. Many antibodies are commercially available and commonly used in 

immunoassays. Antibodies are usually immobilised on the surface of the transducer by 

covalent attachment through conjugation of amino, carboxyl, aldehyde, or sulphydryl 

groups. The surface of the transducer must be previously functionalised with an amino, 

carboxyl, hydroxyl, or other group. Antibodies share similar limitations with enzymes. 

Furthermore, binding may not be reversible and regeneration of the surface may require 

drastic changes in conditions such as low pH, high ionic strength, detergents, etc. 

Therefore, efforts are being made to produce low cost, single use sensors. Probably the 

main potential advantage of immunosensors over traditional immunoassays is that they 

could allow faster and in-field measurements. 

4.2.1.3 Micro-organisms 

The use of micro-organisms as biological elements in biosensors is based on the 

measurement of their metabolism, in many cases accompanied by the consumption of 

oxygen or carbon dioxide, and is, in most cases, measured electrochemically (Pie and 

Prasad, 2006).  Microbial cells have the advantage of being cheaper than enzymes or 

antibodies, can be more stable, and can carry out several complex reactions involving 

enzymes and cofactors. Conversely, they are less selective than enzymes; and have 

longer response and recovery times, and may require more frequent calibration. 

4.2.2 Transducer surfaces for electrochemical biosensors 

Once a suitable bioreceptor has been selected, it must be immobilised onto solid phase 

transducers to form a functional sensing platform. The type of transducer surface 

depends on the properties of the bioreceptor and the interrogation method to be used. 
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Impedance immunosensors are typically constructed either using a self assembled 

monolayer (SAM) as a base layer (Billah et al., 2008; Chaki and Vijayamohanan 2002; 

Hays et al., 2006; Milner et al., 2009b) or a conducting polymer base layer (Barton et al., 

2009; 2008). Bioreceptors are often immobilised by physioabsorption onto a conducting 

polymer surface (e.g. polypyrrole or polyaniline) or an SAM (e.g. phospholipids) by 

covalent coupling to a linker molecule via carboxyl, maleimido, amino or thiol groups 

(Billah et al., 2008; Gooding et al., 2003; Hays et al., 2006; Karyakin et al., 2000; Munoz-

Berbel et al., 2008; Wark et al., 2010; Weiss et al., 2005). The linker molecule is attached 

to the transducer surface using streptavidin/biotin affinity, silanisation, protein A or 

direct attachment (Brynda et al., 1998; Liebes et al., 2009; Prieto-Simon et al., 2008; 

Zheng et al., 2010). 

Which ever transducer material is chosen for use in the biosensor construction, the 

immobilisation of the bioreceptor to the surface is fundamental for functionality and 

integrity of the sensor i.e. the antibody epitope binding site must be orientated to 

facilitate binding to the target analyte. Often steric hindrance and denaturation of the 

bioreceptor is an issue for reproducibility and sensitivity (Bonroy et al., 2006; Chaki and 

Vijayamohanan 2002; Chen et al., 2003; Milner et al., 2009a; Prieto-Simon et al., 2008). 

Another problem can be non specific binding between bioreceptors and non-target 

molecules. This can be addressed by selecting appropriate and highly specific 

bioreceptors for the bacterial antigens and by blocking the non-specific binding sites of 

the sensor surface with a protein or chemical agent (e.g. BSA) before use. 

Organic conjugated polymers (conducting polymers) have emerged as potential 

candidates for electrochemical sensors. Due to their straightforward preparation 

methods, unique properties, and stability in air, conducting polymers have been applied 

to energy storage, electrochemical devices, memory devices, chemical sensors, and 

electrocatalysts (Bhadra et al., 2009). 

Conducting polymers (CPs) are polyconjugated polymers with electronic properties 

resembling those of metals, while retaining properties of conventional organic polymers. 

Since the observation of the remarkably high electrical conductivity of polyacetylene, a 

number of other conjugated polymers have been transformed from an insulating into a 

highly conductive state (Hui et al., 2009). The most widely investigated conducting 
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polymers include polyacetylene, polyaniline, polypyrrole and polythiophene are shown 

in the Figure 12. 

 

Figure 12 Structures of some common CP’s 

Conducting polymers are also known for their ability to be compatible with biological 

molecules in neutral aqueous solutions. Moreover, the polymer itself can be modified to 

bind biomolecules to a biosensor. Another advantage of conducting polymers is that the 

electrochemical synthesis allows direct deposition of a polymer film on the electrode 

substrate followed by biomolecules immobilisation. It is thus possible to control the 

spatial distribution of the immobilised enzymes, the film thickness, and modulation of 

enzyme activity. Conducting polymers can act as an electron promoter. 

Mechanism of electro polymerisation of CP can be best explained by using PPy as an 

example presented in Figure 13 (Ahuja et al., 2007). The first step involves the formation 

of pyrrole radical cation by electrode surface. It is followed by dimerisation by 

deprotonation. The dimer oxidises slightly more easily than the monomer and thus gets 

reoxidised to allow further coupling reaction to proceed. The oxidation potential of the 

polymer is always lower than that of monomer. The polymer is electrochemically 

ionised to a conducting state and the overall electrical neutrality is maintained by 

incorporation of the counter ion from the supporting electrolyte. This is essential 

because precipitation of the unoxidised, insulating polymer would stop the reaction. 
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During the process of electrochemical polymerisation negatively charged molecules are 

present in the electrolytic solution such as anions. 

 

Figure 13 Electropolymerisation mechanism of polypyrrole 

Polymers and enzymes can be embedded into the positively charged backbone as 

dopants (Cassagneau et al., 2002). This promotes an attractive route to trap functional 

molecules within organic polymers during their electro generation of electrode, and 

offers a new means to fabricate a range of novel composite material with novel 

properties (Ahuja et al., 2007). 
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Moreover, conducting polymers can be deposited over defined areas of electrodes. The 

unique properties of conducting polymers have been exploited for the fabrication of 

electrochemical sensors and biosensors (Rahman, 2008). For example, an amperometric 

biosensor can be easily fabricated by entrapping the enzyme during electrochemical 

polymerisation (Musameh, 2003). 

4.3 Electrochemistry as a signal transduction for biosensor 

There are a range of sensors which use electrochemical interrogation including current, 

potential and impedance changes to transduce the biological recognition event (Katz 

and Willner, 2003; Wang, 2006). Electrochemical biosensors were first developed in 

1962 with the glucose electrode (Clark and Lyons, 1962) and combine the analytical 

power of electrochemical techniques with the specificity of biological recognition (Bard 

and Faulkner, 2001; Wang, 2006). 

Early efforts concentrated on sensing small analytes e.g. metabolites such as urea or 

lactate and glucose (Albers et al., 2003) amperometrically, but in recent years the 

detection of larger macromolecules has emerged. In this case, the binding event of the 

antigen to the bioreceptors is detected using electrochemical transduction across the 

sensor surface (Barton et al., 2009; Billah et al., 2008; Hays et al., 2006; Hianik et al., 

2001). The complex formed from the bioreceptor and the antigen binding at the sensor 

surface results in a detectable change, converted into a quantitative amperometric, 

potentiometric or impedimetric signal. Compared with nearly all other analytical 

techniques, electrochemical detection assays have the advantage of being inexpensive, 

robust and relatively simple to operate (Brossier et al., 2001; Ding et al., 2008; Hahn et 

al., 2005; Kerman et al., 2004; Milner et al., 2009a; Pumera et al., 2007). 

The use of biosensors for medical, industrial and environmental analysis (Kuila et al., 

2011) is very important. The popularity of analytical biosensors is due to their specific 

detection, simple use and low cost. For example an electrochemical biosensor can be 

used to detect Salmonella and E. coli in less than 90 min (Arora et al., 2011). The iconic 

example being the modern glucose biosensor which requires nl to a few µl of whole 

blood to report the glucose concentration under one minute. 
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4.3.1 Amperometry 

In amperometric biosensors, the potential between the two electrodes is set and the 

current produced by the oxidation or reduction of electroactive species is measured and 

correlated to the concentration of the analyte of interest. In amperometry, the 

immobilised redox active species is usually an enzyme and contains a prosthetic group 

or a co-substrate that is reduced and facilitates the catalysed oxidation of a substrate, 

such as lactate or glucose for example. The ability of the enzyme’s groups or co-

substrate to re-oxidise is related to the measurable current across the electrode. This 

allows the enzyme to be regenerated for further chemical reactions. Electrons are only 

transferred, causing a signal to be generated, when the enzyme is re-reduced. 

Amperometry relies on the system under investigation to drive a redox reaction after a 

current has been applied, usually through a redox active species immobilised on the 

surface of the electrode, whereas in voltammetry, the voltage is measured when no 

current is passed (Wijayawardhana, 2002; Yu et al., 2005). 

In amperometry, the immobilised redox active species is usually an enzyme and contains 

a prosthetic group or a co-substrate that is reduced and facilitates the catalysed 

oxidation of a substrate, such as lactate or glucose for example. The ability of the 

enzyme’s groups or co-substrate to re-oxidise is related to the measurable current 

across the electrode. This allows the enzyme to be regenerated for further chemical 

reactions. Electrons are only transferred, causing a signal to be generated, when the 

enzyme is re-reduced. 

How much current is produced can be determined using Faraday’s law shown in 

equation 3, 

I = nFAJ  (3) 

Where I = current produced, typically nA – mA, n = the number of electrons transferred, 

F = Faraday’s constant, A = area of the electrode, J = flux coefficient, which is the transfer 

of substrate to the electrode. 

The current produced is also dependent on the voltage between the electrodes, so a 

potentiostat is used to fix the potential, against which the current can be measured. 
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The first glucose biosensor developed by Clark and Lyons (1962) was based on an 

oxygen electrode that had a selective permeable membrane to which an enzyme was 

attached. Although it was successful to detect oxygen yet it was not possible to 

determine between the oxygen already in the sample and quantity generated through 

the redox process catalysed by glucose oxidase. After first generation amperometric 

sensor several generations have since evolved (Habermüller et al., 2000). The main 

issues with amperometric sensors are- a) differentiation between generated molecules 

and those present already; b) ensuring adequate diffusion of the analyte from solution to 

the electrode to measure the signal response and c) fluids in which sensors aim to detect 

such as blood also contain many compounds that will undergo oxidation or reduction at 

the same potential as the molecule the sensor aims to detect. 

Subsequent generations overcame some of these issues by using electroactive mediators 

that replaced the natural oxygen co-substrate of the enzyme (Cass et al., 1984; Kulys et 

al., 1980). These usually contained soluble metal complexes, such as Fe(CN6)3−/4− to 

transport the electrons between the enzyme and the electrode, resulting in the use of 

lower positive potentials. This limited the interference from other redox species within 

the sample solution. The mediators were located in the solution surrounding the 

electrode, or incorporated into the electrode surface, resulting in ‘reagentless’ 

biosensors. However, typically concentrations of mediator had to be high within the 

surface due to leaching during measurement. Eventually, amperometric sensors were 

later developed to include immobilisation to the electrode using electroactive materials 

such as copolymers including polypyrrole and polyaniline (Habermüller et al., 2000; 

Reiter et al., 2001; Warriner et al., 1997; Warrington, 2001). This negated the need for 

external electroactive mediators and allowed rapid electron transfer through the 

polymer matrix that could also be used to immobilise the enzyme.  

4.3.2 Potentiometry 

In potentiometry, the voltage is measured when no current is passed whereas in 

amperometry, a potential is applied and the resulting current is measured 

(Wijayawardhana 2002; Yu et al., 2005). This electrochemical technique measures 

specific ion concentration and is the basis of modern pH meters. Potentiometric devices 

measure the accumulation of a charge potential at the working electrode compared to 



39 

 

the reference electrode in an electrochemical cell when zero or no significant current 

flows between them (D' Orazio, 2003). 

Potential on an electrode depends on the ions present in the solution and their 

concentration. The electrochemical cells can be used to determine ions and their 

concentration in solution. The dependence of potential between electrodes from 

concentration of ions is expressed by Nernst equation shown in equation 4.  

 E = E0 –  0.0591 V/n   ln Q    (4) 

Where F = Faraday’s constant, R = gas constant and n = charge of the ion or number of 

electrons participating in the reaction, E = electrode potential, E0= standard potential of 

the electrode, T = temperature in kelvins, and Q= reaction quotient. 

When the reaction quotient is equal to the equilibrium constant of the reaction for a 

given temperature, i.e. when the concentration of species are at their equilibrium values, 

the Nernst equation gives the equilibrium voltage of the half-cell (or the full cell), which 

is zero at equilibrium  (Wahl, 2005). 

It is very important to explain the Nernst Equation here because it is an equation that 

can be used to determine the equilibrium reduction potential of a half-cell in an 

electrochemical cell. In the electrochemical cell, if a high impedance device like a 

voltmeter is placed between the indicator and reference electrodes, no current will flow 

between the two compartments. Under these conditions it is possible to measure the 

potential difference between the two electrodes. The standard cell potential, E0
 
will be 

the measured cell potential where all reactants are present at unit activity. The unit 

activity can be defined as an effective concentration of a particular species along with all 

the interionic interactions of the ions present in the solution. 

The redox system under equilibrium conditions can be characterised through Nernst 

equation. It allows the calculation of relative activities of the species in a redox reaction 

as a function of the measured electrode potential (E) and the standard reduction 

potential (E0) for the half reaction. For the general redox reaction given in equation 5, 

 aOx  +  ne-  ⇆  bRed    (5) 
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The Nernst equation takes the form as shown in equation 6. 

 E = E0  -  RT/nF   ln (Red)b/(Ox)a    (6) 

Where R is the gas constant (8.314 J K-1 mol-1), T is temperature in K, n is the 

stoichiometric number of electrons involved in the process, F is the Faraday constant 

(96,485 C mol-1) and (Red)b and (Ox)a are the activities of the reduced and oxidised 

members of the redox pair, respectively. At 25°C, the value of (RT/F) is equal to 0.0591, 

and the Nernst equation becomes as given in equation 7, 

 E = E0  -  0.0591 V/n   log 10 (Red)b/(Ox)a  (7) 

Potentiometry relies on a change in the ionic concentration of a solution due to enzyme 

action in a sensing device which creates a measurable potential. The potential generated 

is related to the concentration of the substrate and the range for ion detection is often 

broad, usually 10-4 – 10-2 M, but accuracy can be low. This is because potentiometric 

devices can be poorly selective, leading to false positive detection. 

The potentiometric biosensor is recommended for the determination of simple ions, 

especially for pH and physiological electrolytes. Bioaffinity-based biosensor systems are 

strongly desired for the needs of clinical immuno- and genoanalysis (Koncki, 2007). 

However, at present potentiometry seems rather to be not promising for such 

applications. Label-based methods with various radiochemical, enzymatic, fluorescent 

and nanoparticle markers exhibit significantly better analytical characteristics when 

amperometric and optical detection systems are applied. Potentiometric label free 

sensing schemes are based on the unclear principles of signal generation and are 

strongly influenced by non-specific effects from several components of analysed 

samples. 

4.3.3 Impedance 

EIS provide electrochemical examination of electrical properties of electrode surface; on 

the other hand it can be called as electrochemical surface characterisation. Therefore, it 

is possible to study the electrode surface after any modification. In biosensor technology 

EIS is used for monitoring biosensor modifications, layer formation on electrode surface 

and binding kinetics between molecules such as DNAs, receptors, antibodies, antigens, 
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proteins, ions etc. The binding kinetics of molecules can be calculated by recording 

impedance spectrum for subjected molecules which leads to label-free detection (Uygun 

et al., 2013). 

Impedance is a measure of the ability of a circuit to resist the flow of electrical current, 

but electrochemical impedance is usually used by applying an AC potential to an 

electrochemical cell and then measuring the current through the cell. When sinusoidal 

potential is applied the AC current signal is received as a response. This current signal 

can be considered as a sum of sinusoidal functions (a Fourier series). For AC conditions 

the Ohm's law work for changing currents, and can be redefine as shown in equation 8, 

where Z is the impedance of the system. 

 E = I x Z   (8) 

The impedance can be calculated by setting the input potential and measuring the 

induced current. 

Electrochemical impedance spectroscopy (EIS) has become an attractive method for 

biosensor development because of simple detection system. Since every part of human 

body, such as cells, proteins, and deoxyribonucleic acid (DNA) have their unique 

impedance value, EIS appears as a well suited and powerful technique for biological 

sensing. Furthermore, the availability of quantitative data (resistance, capacitance, 

dielectric permittivity, etc.) offered by EIS may provide in-depth information of 

biochemical phenomena occurring at electrode-electrolyte surface (Yusof et al., 2011). 

4.3.4 Voltammetry 

Cyclic voltammetry (CV) is a type of potentiodynamic electrochemical measurement. It 

is widely used technique to acquire qualitative information about electrochemical 

reaction. Cyclic voltammetry can measure various types of reactions such as 

thermodynamics of redox processes, the kinetics of heterogeneous electron-transfer 

reactions and coupled chemical reactions or adsorption process. In a cyclic voltammetry 

experiment, the potential of the working electrode is measured against a reference 

electrode which maintains a constant potential, and the resulting applied 

potential produces an excitation signal. Figure 14 shows a typical reduction occurring 

from (a) to (d) and an oxidation occurring from (d) to (g). In the forward scan, the 
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potential first scans negatively, starting from a greater potential (a) and ending at a 

lower potential (d). The potential extreme (d) is called the switching potential, and is the 

point where the voltage is sufficient enough to have caused an oxidation or reduction of 

an analyte. The reverse scan occurs from (d) to (g), and is where the potential scans 

positively. 

 

Figure 14 A cyclic voltammetric excitation signal 

It is important to note that some analytes undergo oxidation first, in which case the 

potential would first scan positively. This cycle can be repeated, and the scan rate can be 

varied. The slope of the excitation signal gives the scan rate used. 

Depending on the information required, single or multiple cycles can be used. During the 

potential sweep, a potentiostat measure the current resulting from the applied potential. 

The resulting plot of the current at the working electrode vs. the applied voltage gives 

the cyclic voltammogram of the reaction (Bard et al., 2000). 

A cyclic voltammogram is obtained by measuring the current at the working electrode 

during the potential scans. Figure 15 shows a cyclic voltammogram resulting from a 

single electron reduction and oxidation.  

Consider the following reversible reaction shown in equation 9:  

M+ + e- ⇆ M   (9) 
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The reduction process occurs from (a) the initial potential to (d) the switching potential. 

In this region the potential is scanned negatively to cause a reduction. The resulting 

current is called cathodic current (ipc). The corresponding peak potential occurs at (c), 

and is called the cathodic peak potential (Epc). The Epc is reached when all of the 

substrate at the surface of the electrode has been reduced. After reaching the switching 

potential (d), the potential scans positively from (d) to (g). This results in anodic current 

(Ipa) and oxidation to occur. The peak potential at (f) called as anodic peak potential (Epa) 

is reached when all of the substrate at the surface of the electrode has been oxidised. 

The important parameters for a cyclic voltammogram are the peak potentials Ep and 

peak currents ip shown in Figure 15. 

 

Figure 15 Typical voltammogram of a reversible redox couple (Research, 2014) 

 

4.4 Other methods of signal transduction for biosensors 

4.4.1 Optical transduction 

Optical biosensors are generally based on two types of detection methods. The first 

detection method is fluorescence-based whereas second detection method is label-free. 
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In fluorescence-based detection, either target molecules or biorecognition molecules are 

labelled with fluorescent tags, such as dyes; the intensity of the fluorescence indicates 

the presence of the target molecules and the interaction strength between target and 

biorecognition molecules. 

In the label-free detection, target molecules are not labelled or altered, and are detected 

in their natural forms. This type of detection is relatively easy and cheaper to perform. 

Label-free detection also allows quantitative as well as kinetic measurement of 

molecular interaction.  Some label-free detection mechanisms measure refractive index 

(RI) change induced by molecular interactions. The change in refractive index is related 

to the sample concentration or surface density, instead of total sample mass (Fan and 

Suter, 2009). 

4.4.2 Electromechanical transduction 

Electromechanical biosensors include piezoelectric techniques such as quartz crystal 

microbalance (QCM) surface acoustic wave devices and atomic force microscopy (AFM). 

4.4.2.1 Surface acoustic wave devices (SAW)  

SAW devices used in biosensors are based on acoustic waves. The working principle of 

SAW device is based on change in resonant frequency of the wave which propagates 

through or across the sensor. For such type of sensors thick quartz crystals are used 

along with interdigitated metal electrode arrays. The acoustic Rayleigh waves are 

propagated between the electrode array and across the crystal surface. The waves have 

both longitudinal and vertical components which are sensitive to changes in the mass 

and mechanical properties of substance bound to the surface. It is possible to detect 

molecule through change in frequency of the wave however it is not suitable for 

biological samples because of attenuation of waves in liquid medium. SAW devices are 

often used in gaseous environment. (Lee et al., 2009) 

4.4.2.2 Atomic force microscopy (AFM) 

Atomic force microscopy (AFM) utilises a sharp tipped oscillating cantilever to 

characterise the surface of an electrode. The cantilever it is deflected because of the 
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interaction of the tip with the functionalised surface, e.g. the smooth electrode surface 

gets modified after immobilisation of biological components. Atomic Force Microscopy 

(AFM) can provide sensitive resources to measure and to map the surface chemistry 

information and to quantify the adhesive or repulsive forces associated to inorganic 

materials and biological samples, through the control of chemical interactions between 

the AFM tip and the sample. Among AFM techniques, there is a very useful tool known as 

Chemical Force Microscopy (CFM), which is based on AFM tips chemically modified with 

specific exposed functional groups, carefully architected to carry out a specific function 

in a system. There are several ways to functionalise the AFM tip. Two of the commonest 

methods are known as mixing self-assembled monolayers (SAMs) and vacuum, thermal 

evaporation thermal vapor deposition and even, sputtering. The method of self-

assembled monolayers (SAMs) is widely used to functionalise tips and surfaces. 

Terminal functional groups (-COOH, -CH3) are grafted onto alkane thiols that 

spontaneously form monolayers, under controlled conditions, on gold surfaces (Steffens 

et al., 2012). The electrode surface can be characterised by observing the amplitude, 

phase and resonance frequency of the cantilever (Ferreira et al., 2008). The signal is 

extrapolated to give a pseudo-3D image of the surface, whereby individual molecules 

can be visible if the substrate surface is flat enough. The best AFM images can be 

obtained by scanning surfaces that are atomically flat, such as silicon wafers coated in 

gold. 

4.4.2.3 Quartz crystal microbalance (QCM) 

QCM is based on a quartz crystal which oscillates at a certain frequency when an 

alternating voltage is applied. The quartz surface is often coated in a thin gold, or other 

metal, layer which doubles as a conductor for the AC current flowing and also provides 

an attachment surface for a bio-receptor. QCM crystal transducers are known to be 

highly precise, stable oscillators and are capable of detecting subnanogram mass 

changes (Yao et al., 2010). The deposition of the bio-receptor can be monitored by the 

frequency down-shift caused by the additional mass on the crystal. Once the bio-

receptor has bound to the surface then the crystal can be rinsed before addition of the 

biological target in suspension which again, adds to the mass and reduces the frequency 

further. 
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4.5 Electrochemical impedance spectroscopy (EIS) 

Impedimetric immunosensors have recently received particular attention due to 

number of attractive characteristics such as mass production of low cost electrode, cost 

effective instrumentation, the ability to be miniaturised and to be integrated into multi-

array or microprocessor-controlled diagnostic tools, remote control of implanted 

sensors, etc. Due to these characteristics, electrochemical impedance spectroscopy (EIS) 

based sensors are considered as promising candidates for use at on-site applications. 

4.5.1 Theory of electrochemical impedance spectroscopy for biosensors 

In an enzyme based biosensor, a molecule needs to be transformed into another 

molecule by enzyme to obtain electroactive signal.  Electroactive signal can be disturbed 

by the presence of other molecules, which has same oxidation reduction potentials as 

analyte molecule. Electrochemical impedance spectroscopy overcomes this problem and 

provides non-electroactive detection of molecules. 

Electrochemical impedance immunosensor is based upon change in conductivity across 

the immunosensor surface after the hybridisation between the bio-receptor and the 

bacterial antigen. The response is analysed in terms of change in the resistance and/or 

double-layer capacitance following analyte capture (Wijayawardhana, 2002). Detection 

of the change in capacitance is easier to measure as no reference electrode is required 

and therefore it is more durable ‘in-field’. However, this technique can be less sensitive 

and non-specific binding can lead to false positive results (Katz and Willner 2003; 

Wijayawardhana 2002). This can be overcome by ‘blocking’ the non-specific binding 

sites of the surface with a protein, such as Bovine serum albumin (BSA). 

Impedance spectroscopy is a very powerful tool for the analysis of interfacial properties 

such as changes of modified electrodes upon bio-recognition events occurring at the 

modified surfaces. Formation of the complex on a conductive or semi-conductive surface 

alters the capacitance and the resistance at the surface electrolyte interface. 

Furthermore, the build-up of the sensing biomaterial film on the conductive or semi-

conductive support alters the capacitance and resistance properties of the solid support-

electrolyte interface. Impedance measurements provide detailed information on 

capacitance/resistance changes occurring at conductive or semi-conductive surfaces. 
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 Impedance spectroscopy for biosensor technology has the same working principle as 

other electrochemical measuring techniques. EIS is composed of electrical circuits based 

on AC current, which is generally used for impedimetric experiments. 

Impedance is calculated as the ratio between the change in the applied voltage and the 

change in the current of an electrochemical cell which is measured as a phase angle shift 

between the sine wave of amplitude vs. time. This is determined using the equations 10, 

V = Vmsint    (10) 

Where t = time in seconds;  = the angular frequency in radians sec-1 and is equal to 2πf, 

where f is the frequency in Hz; Vm = amplitude and V = the voltage at any given instant. 

The resulting current, I, is then given by equation 11, 

I = Imsin (ωt + θ)   (11) 

Where t = time in seconds; ω = the angular frequency in radians sec-1 and is equal to 2πf, 

where f is the frequency in Hz; Im = the maximum current; θ = the phase angle and I = the 

current at any given instant. 

The complex impedance can be presented as the sum of the real, Z’, and imaginary, Z” 

components that originate mainly from the resistance and capacitance of the cell, 

respectively. The most popular formats for evaluating electrochemical impedance data 

are the Nyquist and Bode plots. In the Nyquist format, the imaginary impedance 

component (Z”) is plotted against the real impedance component (Z’) at each excitation 

frequency giving information about the electrified interface and the electron transfer 

reaction. Whereas in the Bode format, both the logarithm of the absolute impedance, |Z| 

and the phase shift, φ, are plotted against the logarithm of the excitation frequency (Pie 

and Parsad, 2012). 

In order to express the characterisation of surfaces, layers or membranes after the 

immobilisation of biomolecules and bacteria binding, EIS is often analysed using an 

equivalent circuit which is used to curve fit the experimental data and extracts the 

necessary information about the electrical parameters responsible for the impedance 

change. Since the electrochemical cell is a complex system, more than one circuit model 
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can fit the experimental data. The simplest, and in fact the most frequently used 

equivalent circuit for modelling the EIS experimental data is the so-called Randles circuit 

shown in Figure 16(A), which comprises the uncompensated resistance of the 

electrolyte (Rs), in series with the capacitance of the dielectric layer (Cdl), the charge-

transfer resistance (Rct) and the Warburg impedance (Zw). In the Nyquist plot shown in 

Figure 16(B), a typical shape of a Nyquist plot includes a semicircle region lying on the 

real axis followed by a straight line.  

 

Figure 16 (A) the typical Nyquist diagram for the AC impedance measurements; (B) 
the Randle equivalent circuit 

 

The linear part (ψ = π/4), observed at the low frequency range, implies a mass-transfer 

limited process, whereas the semicircle portion, observed at high frequency range, 

implies a charge-transfer limited process. From the Nyquist plot, the values for Rs and 

Rct can be easily determined. The double layer capacitance can be calculated from the 

frequency at the maximum of the semicircle (ω = 2 f = 1/Rct Cdl). The charge-transfer 

resistance Rct and the double layer capacitance Cdl are the most important electrical 

parameters in analysing the impedance signal change for detection of bacteria. 

This technique is useful for transduction of bioaffinity events in connection to modern 

electrochemical immunosensors and DNA sensors. Such transduction of bioaffinity relies 

on the increased insulation of the electrode surface on binding large biomolecules in 

respect to redox probes, e.g. Fe(CN6)3−/4−, present in the solution. Therefore, in essence, 

the antigen binding retards the electron transfer, which is measurable by 

electrochemical impedance spectroscopy (EIS). 
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4.5.1.1 Equivalent circuit 

Useful data can be extrapolated from EIS experimental impedance spectra by modelling 

the electrochemical transformations occurring at the electrode-solution interface using 

corresponding components of the electronic equivalent circuitry. 

The common model for fitting impedance spectra is Randles equivalent circuit shown in 

Figure. 15 (Randles, 1947) which shows the corresponding components of a circuit to 

impedance spectra, where Rs is the solution resistance, Rct is the charge transfer 

resistance, Cdl is the charged double layer and Zw is Warburg impedance. 

 

Figure 17 Typical Nyquist plot showing the real and imaginary component of 
impedance 

 

A typical Nyquist plot shown in Figure 17 depicts that the resistance of the solution (Rs) 

and the charge transfer resistance (Rct) can be calculated from the interception of the (Z’) 

x axis. Warburg impedance is characteristically shown by a 45° angle of data at low 

frequencies. This model arises from processes where either charge or electrons are 

transferred across the interface (faradaic) or when current flows without charge 

transfer (non-faradaic) resulting charge accumulation on a capacitor. 

The surface resistance can be divided into two parts - charge transfer resistance (Rct) 

and Warburg impedance (Zw). Rct results from resistance of the surface to electron 

movement across the insulating layer (from bioreceptor, or bioreceptor binding analyte), 

whereas Warburg impedance correlates to diffusion of ions through the bulk solution or 
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mass transfer resistance, which is frequency dependent. Warburg impedance can be 

reduced or eliminated completely by using an electroactive mediator such as 

Fe(CN6)3−/4−. Rs is the resistance of the solution between the electrodes in an 

electrochemical cell and arises from a finite conductance of ions in the bulk solution. 

This is often constant before and after analyte capture due to the use of a buffered 

mediator, which makes Rct the main resistive component of impedance. 

4.5.1.2 Double- layer capacitance 

When an electrolyte comes in contact with a metallic electrode, there is an ion electron 

exchange. The term “double layer” refers to the displacement of electrical charges 

associated with the electrode surface exposed to aqueous solution. There is a tendency 

for ions in the solution to combine with the metallic electrode and also for the metallic 

ions to enter the solution (Barsoukov, 2005). 

The basic type of charge distribution proposed by Helmholtz (1879) postulated that 

there exists a layer of charge of one sign tightly bound to the electrode and a layer of 

charge of the opposite sign in the electrolyte. This separation is called the electrical 

double layer and is measured in ionic dimensions.  

A schematic representation of an electrical double layer is presented in Figure 18. A 

plane (m) is associated with an excess concentration of electrons near the physical 

surface of the electrode, represented by a solid line. The inner Helmholtz plane (ihp) is 

associated with ions that are specifically adsorbed onto the metal surface. The outer 

Helmholtz plane (ohp) is the plane of closest approach for solvated ions that are free to 

move within the electrolyte. The ions within the electrolyte near the electrode surface 

contribute to a diffuse region of charge. 

The Helmholtz-Gouy-Chapman model with Sterns correction is an acceptable model for 

representing the charge distribution dynamics at the metal solution interface, where 

Gouy-Chapman theory defines the electrical double layer binding and the surface charge 

densities. Based on this theory, as the concentration of the solution increases, a high 

polarisation is created between the electrode and the solution which then attracts ions 

to the metal surface until the separation between them continuously decreases to zero. 
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Figure 18    The structure of the electrical double layer 

 

Electrical double layer capacitance in an immunosensor is associated with biomolecule 

binding after immobilisation onto electrode. As the immobilisation takes place, an 

electrical double layer is formed. Once solid (electrode) is immersed in the electrolyte, a 

major reaction with the solid-liquid interface occurs and eventually leads to an 

equilibrium condition. The two-way transfer resulting on the surface creates an 

electrical double layer, which leads to a variation of the capacitance as the biomolecule 

bind together. 

The Cdl component of the Randles circuit represents the capacitance of the surface 

dielectric that forms between the electrode and the electrolyte, separated by the coating 

on the electrode surface. When the coating on an electrode is uniform, it becomes a pure 

resistor and can be modelled in series with the resistive components of the system. This 

is often not the case with biosensors as coatings are usually imperfect, which gives the 

Nyquist plot its distinctive semi-circular shape and results in the Cdl modelled in parallel 

to the resistive components. The behaviour of Cdl has been extensively studied and can 

be modelled on either the Helmholtz model, Gouy-Chapman model or Stern model 

(Bedzyk et al., 1990).  

Cdl occurs when an electrode is immersed in an ionic solution, as an unequal distribution 

of charge forms generating a potential which attracts oppositely charged ions from the 

solution across the surface. This specifically adsorbed layer is called the Helmholtz layer. 



52 

 

Thermal motion of the ions results in a localised charge of the electrode and because of 

this a diffuse layer called ‘Debye length’ forms. The Debye length or thickness describes 

a gradient of ionic concentration formed moving away from the electrode. 

Depending on the design of a biosensor, it will show a greater change in either 

capacitance or resistance values of impedance. For a capacitive biosensor, the 

bioreceptor must cover the entire electrode surface in order to produce a measurable 

phase shift in the current relative to the applied voltage, whilst providing sufficient 

attachment sites for analyte capture (Gebbert et al., 1992). Any gaps in the sensing layer 

will allow electrons to flow through, reducing the sensitivity of capacitive changes. 

Although, upon analyte binding, this can be a parameter through which structural 

changes in the sensing layer can be measured. 

When a bioreceptor does not uniformly cover the electrode surface, or causes a thick 

insulating layer (as often antibodies do) then the biosensor can be interrogated for 

changes in Rct which is more dependent on thickness and polarity of the electrode 

surface. Immunosensors are therefore commonly based on Faradaic impedance 

spectroscopy as large analytes binding to and changing the thickness of the sensing layer 

give measurable responses for the resistive component of impedance. These sensors 

require a suitable sized electron mediator to enable current and potential to freely flow 

through the electrochemical cell, reducing the frequency dependency of the response. As 

such, the defects to the sensing platform caused by binding of an analyte to the bio-

receptor can be measured as shifts in resistance across the electrode. 

In conclusion, measurement of the resistive component of impedance is commonly used 

in biosensing in preference to the detection of capacitive changes. This is advantageous 

because it is not frequency dependent and does not require the surface of the electrode 

to be uniform and completely coated. 

4.6 Immunosensors for rapid detection of diseases 

In the 1950s, scientists began to develop tests known as immunoassays that use 

antibodies (physical binding, or recognition, proteins that are made by B cells, a type of 
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white blood cell, in the bodies of vertebrates) to bind to pathogens, as shown in Figure 

19.  

 

Figure 19 Schematic presentation of antibodies binding with pathogens 

While ELISA can be reasonably sensitive (detection of a few thousand particles), it is 

generally too slow. It requires about 15 minutes for the binding events and detection to 

occur. A home pregnancy test is one example of this technology. 

Antibody assays typically examine the surface features of pathogens; other assays test 

for the presence of genetic material. The immunoassay technique employs antibodies on 

a substrate that bind to pathogens. If the binding sites on the antibodies match the 

corresponding surface features on the pathogens, the pathogens will adhere to the 

antibodies. Corresponding labelled antibodies wash over the surface, interact with the 

bound pathogens, and signal the detection typically by changing colour. 

Immunosensors based on the direct detection of antigen–antibody binding events are of 

interest since no labelled reagent is needed and the analysis is hence less complicated 

(Daniels, 2007) (Ivarez et al., 2008). For the development of such immunosensors, 

electrochemical transducers have been extensively assessed due to their beneficial 

features such as low cost, highly sensitive and easy to operate (Ricci et al., 2007; Liu, 

2007). One of the highly sensitive electrochemical detection principles that have been 

applied for label-free detection is potentiostatic capacitance measurement. This 

technique is based on the electrical double-layer theory to measure changes in dielectric 

properties when an antibody–antigen complex is formed on the transducer surface 

(Berggren, 2001). Capacitive transducers with immobilised antibodies have proved 

capable to detect certain analytes with detection limits down to 10−15 pmoles per litre 

(Pingarro et al., 2008). Hence, the capacitive biosensor would be well suited for the 
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detection of exceedingly low levels of bacterial contaminants present in the 

environment. One way to obtain higher sensitivities is to enhance the association 

capacity of the surface by increasing the ligand density of the sensing surface. 

Nanoparticles have been exploited for this purpose because of their high surface- to-

volume ratio and biocompatibility (Luo et al., 2006; Niemeyer et al., 2001; (Willner, 

2004). 

Immobilisation of antibodies on a gold surface is usually done via a self-assembled 

monolayer (SAM) (Chaki et al., 2002; Gooding et al., 2003). Although it is easy to prepare 

with strong interactions of SAM with gold, the roughness of the gold substrate can affect 

the formation and packing density of monolayers. One alternative is then to utilise 

polymer films. Electropolymerisation of polymer films has been employed as a simple 

and efficient method for the immobilisation of biomolecules and is widely utilised in 

biosensing (Gerard et al., 2002). 

4.6.1 Detection of sexually transmitted infections (STIs) 

There is also a need for rapid point-of-care diagnostic tests to ensure treatment and 

control of diseases, such as sexually transmitted infections have a high rate of 

medication complications. 

4.6.1.1 Chlamydia trachomatis 

Chlamydia is one of the common sexually transmitted infections (STIs) in the UK. In 

2012, 206,912 people tested positive for chlamydia (NHS, 2013) out of which 64% of 

people diagnosed with chlamydia were under 25 years old.  The majority of persons 

with Chlamydia trachomatis infection are not aware of their infection because they do 

not have symptoms that would prompt them to seek medical care. Consequently, 

screening is necessary to identify and treat this infection. Untreated, chlamydia 

infections can lead to serious complications. 

On an average, <40% of women with untreated chlamydia infections experience pelvic 

inflammatory disease (PID) (Stamm, 1984). Of these, the majority have symptoms that 

are too mild or nonspecific for them to seek medical treatment. Regardless of symptom 

severity, the consequences of PID are severe. Of those with PID, 20% will become 

http://www.nhs.uk/Conditions/Sexually-transmitted-infections/Pages/Introduction.aspx
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infertile; 18% will experience debilitating, chronic pelvic pain; and 9% will have a life-

threatening tubal pregnancy. Chlamydia infection during pregnancy leads to infant 

conjunctivitis and pneumonia and maternal postpartum endometritis. Estimated 

tangible costs of chlamydia illness in the United Kingdom exceed £1.4 billion annually. 

Also critical are the intangible costs, including the psychological and emotional injury 

caused by infertility and ectopic pregnancy. 

4.6.1.2 Neisseria gonorrhoea 

Neisseria gonorrhoea infections are the second most common notifiable communicable 

disease. The WHO estimates that 62 million cases of gonorrhoea occur each year. 

Gonococcal infections tend to cause a stronger inflammatory response than chlamydia 

but are typically asymptomatic in women until complications such as PID develop. 

Gonorrhoea can be acquired at birth and it can cause severe conjunctivitis, which can 

result in blindness if untreated and, rarely, sepsis with associated meningitis, 

endocarditis, or arthritis (Johnson et al., 2002). 

4.6.1.3 Techniques to detect STIs 

The standard test for detecting Chlamydia trachomatis and Neisseria gonorrhoea is 

culture test. However culture methods are difficult to standardise therefore other tests 

methods are needed which are less demanding and expensive. It is difficult to maintain 

the viability of bacterial organisms during transport and storage in the diverse settings 

in which testing is indicated.  Keeping in view of growing demands for accurate and 

reliable diagnostic test some non-culture tests are developed which does not require 

viable organisms and can be automated. The first non-culture screening test for 

Chlamydia trachomatis and Neisseria gonorrhoea included enzyme immunoassays (EIAs), 

which detect specific chlamydial gonococcal antigens. Another screening test is direct 

fluorescent antibody (DFA) test for chlamydia, which uses fluorescein-conjugated 

monoclonal antibodies that bind specifically to bacterial antigen in smears. These 

antigen-detection tests were followed by nucleic acid hybridisation tests, which detect 

Chlamydia specific or gonorrhoea-specific deoxyribonucleic acid (DNA) or ribonucleic 

acid (RNA) sequences. The primary drawback of these tests, chiefly for chlamydia, is that 

they fail to detect a substantial proportion of infections. 



56 

 

4.7 Aim of research study 

Conventional STIs detection methods are time consuming and expensive, and 

consequently, demand for accurate detection by rapid detection systems is increasing. 

The overall aim of the research work presented in this section of the thesis was to 

develop an impedimetric immunosensor for the rapid detection of chlamydia and 

gonorrhoea to aid point of care diagnosis that had a potential for mass production. 

EIS methods can be employed to investigate ‘labelless’ detection of analytes via 

impedimetric transduction. EIS can be used to study electrical characteristics of 

electrode surface for every layer formation and every interaction between molecules 

along with the obtained signal variations. Once polymer is deposited onto the electrode 

surface, it changes the electrical characteristic of the electrode surface which 

subsequently changes the capacitive current which results in increase or decreases of 

the impedance of the system. 

A number of different surface chemistries were used during fabrication of sensors but 

all sensors were based on gold transducer surface. Generally, sulfo-SMCC protocol was 

followed for the immobilisation of half generated antibodies onto conducting polymer 

surfaces. EIS studies were carried out on four different types of conductive polymeric 

surfaces. Once antibodies were successfully immobilised, all sensors were interrogated 

against various concentrations of respective analytes and any change in impedance was 

recorded and plotted in the form of Nyquist plot. 
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CHAPTER 5 IMMOBILISATION OF BIOMOLECULES 

5.1 Introduction 

The common feature of detection techniques is the biosensitive layer that confines the 

biological event in the very close vicinity of the transducer. A target biomolecule is 

detected when a specific interaction/recognition takes place in the sensitive layer where 

a bioreceptor has been attached. Any specific interaction gives rise to a “chemical signal” 

at the surface that is detected by transducer. A chemical signal can be generated by 

variation of local concentration of ionic species or pH in the sensitive layer, formation of 

absorbing or fluorescent complex species, electron transfer to a conducting surface, 

variation of refractive index of the sensitive layer etc. 

5.2 Surface functionalisation 

Biosensors are based on a large range of detection techniques ranging from 

electrochemistry to optics. The properties of solid support may contribute to the 

sensitivity of the transduction of the chemical signal.  The active supports or surface 

layers are absolutely required for transduction of the signal. For example, electronic 

detection requires conductive materials (carbon, gold surface etc.). In addition, 

analytical properties such as senstivity, detection limit, specificity and lifetime depend 

on the bulk and surface properties of the solid support and the sensitising layer 

(functionalised surface). Senstivity and detection limit can be improved by 

(1)  an appropriate design of the biomolecular coupling (i.e., uniform and oriented  

covalent coupling); 

(2)  increasing the loading capacity of active molecule (surface coverage) while 

avoiding steric or electronic hindrance; and 

(3)  limiting the adsorption of biomolecules that leads to denaturation of active 

species and/or to background signal in case of nonspecific adsorption. 

The aim of the surface functionalisation is to place detection biomolecules close to the 

transducer and in an environment similar to that of their natural medium where 
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biological interactions take place. Thus, the functional solid support can be viewed as a 

mixed interface. 

Improved accessibility of biomolecules is achieved by attaching them to the surface 

through a linker that moves them away from the solid interface. The linker must be 

sufficiently long to eliminate unwanted steric interference from the support and 

preferably hydrophilic enough to be swollen in aqueous solution (Guo et al., 1994; 

Hodneland et al., 2002). 

The interface underneath the immobilised receptors is either the bare solid support or a 

layer of organic molecules that confers specific properties in relation to the 

biomolecular assay. This sub-layer or surrounding matrix plays an important role in the 

functionalisation and on the analytical properties of biosensors. It may also be designed 

to protect the solid surface or the grafted surface from degradation. 

5.3 Methods of immobilisation 

Several problems surfaced relating to functioning of enzyme system like loss of enzyme 

(especially expensive enzymes), maintenance of enzyme stability and shelf life of the 

biosensors during the development of biosensors. In addition to this there is a need to 

reduce the time of enzymatic response and offer disposable devices, which can easily be 

used (Amine et al., 2006) in stationary or in, flow systems. In order to overcome these 

problems, several immobilisation procedures have been developed. The procedure of 

biomolecule immobilisation on conductive surfaces remains a key step for the 

performance of the resulting electrochemical devices. For efficient deposition of a 

biomolecule, it must satisfy a few pre-requisites, thus 

a) there must be an efficient and stable immobilisation of the biological 

macromolecules on transducer surfaces; 

b) it must retain its biological properties completely; 

c) it should be compatible and chemically inert towards host structure; and 

d) it should be accessible when immobilised (Cosnier, 2003). 

Immobilised enzyme has many operational advantages over free enzyme such as 

reusability, enhanced stability, continuous operational mode, rapid termination of 
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reaction, easy separation of biocatalyst from product, and reduced cost of operation. 

Immobilisation of biomolecules can be carried out using many different procedures, like 

physical adsorption, covalent linking and electro immobilisation, while retaining the 

biological recognition properties of the biomolecules (Ahuja, 2007). 

5.3.1 Physical adsorption 

In a physical adsorption process, the biomolecule gets adsorbed in the polymer/solution 

interface due to static interactions between the poly-cationic matrix of the oxidised 

polymer and the total negative enzyme charge at a pH higher than the isoelectric point 

(pI) of the enzyme. But this process has some known disadvantages such as binding 

forces can change with pH, adsorption is limited to one monolayer on the polymer 

surface hence amount of enzyme incorporated is very small. Also, the biomaterial gets 

leached out into sample solution during measurements since it is immobilised on the 

outer layer of conducting polymer. This decreases the lifetime stability of enzyme 

electrode (Rajesh et al., 2005). 

Immobilisation by physical adsorption also involves cross-linking. Cross-linking gives 

sensors with short response times but poor stability because enzyme is directly exposed 

to the bulk solution and partly denaturised by the cross-linking (Ahuja, 2007). 

5.3.2 Covalent immobilisation 

In order to achieve an increased lifetime stability of enzyme electrode, it is necessary 

that there should be a strong and an efficient bonding between the enzyme and the 

immobilising material. Hence, covalent linking of biomolecules on transducer is an 

efficient method of immobilisation. It has an advantage of low diffusional resistance and 

such a sensor shows good stability under adverse conditions. Covalent linking of a 

biomolecule to polymer matrix is accomplished in a two step process i.e. synthesis of 

functionalised polymer followed by covalent immobilisation. Since immobilisation takes 

place only on the outer surface of the polymer, it permits selection of optimum reaction 

conditions for each step (Vida and Castillo, 2003). 
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5.3.3 Electrochemical immobilisation 

Although, the conventional procedures for deposition of biomolecules on to the 

transducers like, physical adsorption, covalent linkage, entrapment and cross-linking 

have been used extensively yet they suffer from a low reproducibility and have a poor 

spatially controlled deposition. In recent years, the focus of immobilisation has been 

shifted towards the entrapment of biomolecules in the layers of electrochemically 

synthesised polymers. The electrochemical formation of polymer layers of controlled 

thickness and enzyme activity in galvanostatic or potentiostatic conditions offers 

numerous advantages over conventional procedures for the design of biosensors, such 

as complete coverage of the active surface, greater control over film thickness and 

greater reproducibility. The major advantages of the electrochemical immobilisation 

techniques is: it is a one-step procedure, faster than all immobilisation procedures 

(Bidan, 1992).  However, it should be noted that electropolymerisation process requires 

high concentrations of monomer and biomolecules (Cosnier, 2003). 

5.4 Immobilisation through amino groups of biomolecules 

The most widely used route to conjugate biomolecules to solid supports is through 

reactions involving primary amino groups (-NH2). The utility of amines stems from their 

high nucleophilic character and the existence of a wide variety of amine base coupling 

chemistry suitable for use under aqueous conditions. The amino group is the 

nucleophilic is a reactive form of amines that exists in basic medium. The reactivity of 

amines in water depends on the pH according to the equilibrium between the 

protonated (acidic) and unprotonated (basic) forms given by the pKa value. Increasing 

pH shifts equilibrium toward the unprotonated form and makes the reaction kinetics 

faster. The competition between the acylation of amines and hydrolysis depends on the 

relative concentrations of amine and water. Hence, high concentration of amine is 

preferred. 

5.4.1 Functionalisation using activated ester 

NHS-ester as other activated esters (e.g. the sulphonated ester derivative of N-

hydroxysulphosuccinimide that has higher water solubility), N-hydroxybenzotriazole, p-

nitrophenol, tetrafluorophenol allow acylation of primary amines in high yield. 
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Aminolysis of these activated esters is notably much faster than hydrolysis, enabling 

reaction to be achieved in aqueous medium (Lee et al., 2003; Salmain and Jaouen, 2003). 

Unlike other nucleophilic reactive groups, NHS-ester has low activity with secondary 

amines, alcohols, phenols and histidine. NHS-esters can be stored for long periods in 

cold and dry conditions. NHS-ester functional groups are thus versatile; they are widely 

used in peptide synthesis, preparation of biomolecules conjugates, and in surface 

immobilisation. 

 NHS and Sulfo-NHS are used to prepare amine-reactive esters of carboxylate groups for 

chemical labeling, crosslinking and solid-phase immobilisation applications. 

Carboxylates (-COOH) may be reacted to NHS or Sulfo-NHS in the presence of a 

carbodiimide such as EDC (1-Ethyl-3-[3-dimethylaminopropyl]carbodiimide 

hydrochloride), resulting in a semi-stable NHS or Sulfo-NHS ester, which may then be 

reacted with primary amines (-NH2) to form amide crosslinks as shown in Figure 20. 

Although NHS or Sulfo-NHS is not required for carbodiimide reactions, their use greatly 

enhances coupling efficiency. Furthermore, using NHS or Sulfo-NHS makes it possible to 

perform a two-step reaction.  

 

Figure 20 NHS ester activation reactions involving EDC (Thermo, 2014) 
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Both NHS and Sulfo-NHS are soluble in aqueous and organic solvents. Activation with 

NHS, however, decreases water-solubility of the modified carboxylate molecule, while 

activation with Sulfo-NHS preserves or increases water-solubility of the modified 

molecule, by virtue of the charged sulfonate group. Although prepared NHS or Sulfo-NHS 

esters are sufficiently stable to process in a two-step reaction scheme, both groups will 

hydrolyse within hours or minutes, depending on water-content and pH of the reaction 

solution. NHS esters have a half-life of 4-5 hours at pH 7, 1 hour at pH 8 and only 10 

minutes at pH 8.6 (Thermo, 2014). 

5.5 Immobilisation through sulphydryl groups of 

biomolecules 

The chemical immobilisation of complex recognition molecules like proteins onto the 

active layer of a biosensor is quite challenging. Specific concerns are: 

(1) To attach these molecules by one anchoring point in order to obtain a repeatable, 

uniform and oriented layer; and 

(2) To avoid alteration of the active sites or denaturation that leads to loss of activity. 

The regio-specificity of immobilisation using either amine or carboxylic acid moieties is 

difficult to control because there is large number of these hydrophilic residues Lysine, 

Glutamic acid, acylation-stimulating-protein (Lys, Glu, Asp) on the periphery of proteins 

where binding takes place. This leads to heterogeneity of the attachment and random 

orientation of the protein on the surface. Unlike amine or carboxylic groups, proteins 

possess a limited number of cysteine residues at their periphery. Covalent coupling 

strategies using thiol groups allow site-specific reactions. The sulphur atom of cysteine 

belongs to form a sulphydryl (or thiol) group. The low accessibility of cysteine in protein 

restricts the use of thiol groups for the immobilisation of biological molecules. This turns 

out advantageous in order to introduce solvent accessible reactive groups on protein 

surface. Cysteine residues involved in disulphide bonds can be chemically or 

enzymatically cleaved (Brogan et al., 2003) before a subsequent reaction with activated 

surfaces. Thiol groups allow very specific reactions because they are very reactive 

toward various chemical functions that are quite stable in water. The simplest approach 
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is the reaction of thiol group onto supported thiol groups by formation of disulphide 

linkage.  

But disulphide bonds are unstable under reducing conditions. The reactions of oxygen 

with thiols in aqueous solution give disulphides quite easily (pH 7–9) (Bagiyan et al., 

2003). In order to regenerate the free reactive form, disulphide dimers are cleaved 

immediately before the coupling reaction (Chassignol and Thuong, 1998). Some 

common disulphide-reducing agents are dithiothreitol (DTT), b-mercaptoethanol or tris 

(2-carboxyethyl) phosphine (TCEP). 

5.5.1 Maleimide Functionalisation 

The double bond of maleimide undergoes a Michael addition reaction with sulphydryl 

groups to form stable thioether bonds. It is also reactive toward unprotonated primary 

amines and hydroxide anions (Shen et al., 2004). Interestingly, reaction of maleimide 

and sulphydryl groups is specific in the pH range 6.5–7.5. The reaction of maleimide 

with sulphydryl at pH 7 proceeds at a rate 1,000 times faster than the reaction with 

amines. 

The surface functionalisation with maleimide is achieved by coupling hetero-

difunctional cross-linkers to surface terminal amino groups. During and after 

derivatisation of surface amine groups by difunctional cross-linkers, maleimide groups 

are exposed to reaction with amino groups. Once grafted, the close proximity of the 

maleimide groups and residual amino groups remaining on the solid support may lead 

to a fast decrease of surface activity. A capping reaction of the amine groups with a large 

excess of highly reactive reagents such as isothiocyanate or succinimidyl ester groups is 

to be made in order to avoid the deactivation by residual amines. The main maleimide 

heterodifunctional crosslinkers used for the immobilisation of biomolecules are the 

succinimidyl-4-(N-maleimidomethyl) cyclohexane-1-carboxylate (SMCC) and 

succinimidyl-4-(N-maleimidophenyl) butyrate (SMPB) or its sulphonated analogue 

sulpho-SMPB (Strother et al., 2000; Shen et al. 2004). Maleimide-activated solid 

supports cannot be stored for long time because of base-catalysed addition of water to 

the imide bond and ring-opening the maleimide by hydrolysis (Shen et al., 2004). 

A schematic presentation adapted from (Zimmermann et al., 2010) is presented in 

Figure 19. The immobilisation of an antibody through sulphydryl group has been 
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schematically shown in step by step process. In the first step a conductive polymer with 

amino functionality is deposited onto the electrode surface. Once a polymeric layer is 

formed the modified electrode surface is activated with NHS–maleimide. In the second 

step, the antibodies are reduced through TCEP which generates fregments of antibodies 

through disulphide bond cleavage. Finally, the reduced biomolecules are coupled to the 

activated surface displaying thiol reactive maleimide groups. The schematic 

presentation of immobilisation of antibodies through sulphydryl group on to maleimide 

active electrode surfaceis presented in Figure 21 . 

 

 

Figure 21 Schematic presentation of immobilisation of antibody through sulphydryl 
group on to maleimide active electrode surface 
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5.6 Covalent and selective immobilisation of biomolecules 

The sensitivity and selectivity of biosensors depend on the quality of the interface and 

the activity of the biomolecules. This activity is closely correlated to the surface 

configuration of the immobilisation, that is, the active site must remain accessible. Direct 

immobilisation techniques rely on either adsorption, or direct covalent attachment of 

biomolecules to chemically activated surfaces (MacBeath, 2000). The adsorption of 

proteins to interfaces causes possible denaturation and also limits the availability of 

active sites. Adsorption is often associated to losses of activity and poor selectivity. As 

adsorption is reversible, therefore reactive amino or thiol groups of large protein 

molecules are scattered throughout the biomolecules. Hence, grafted proteins are 

randomly immobilised under various orientations. Protein immobilisation after site-

directed modification of proteins allows selective attachment of proteins to a solid 

support in a uniform orientation (Hodneland et al., 2002). Figure 22 depicts schematic 

presentation of different types of bimolecular immobilisation. A probe can be adsorbed 

to the surface (1), immobilised by random reactions (2) and site specifically immobilised 

to the surface. The adsorption and random immobilisation results in loss of activity 

compared to the uniform orientation of site specifically immobilised bioprobes 

(MacBeath, 2000). 

 

Figure 22 Schematic  representation of three different ways of bioprobes 
immobilisation 

Proper orientation of the immobilised proteins compared to random immobilisation 

improve the biological activity (homogeneous-binding activity, kinetics of reactions) and 

thus measured signals (Vijayendran and Leckband, 2001; Zhu et al., 2001). 
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5.6.1 Antibodies 

Due to high specificity, antibodies are widely used for purification/concentration of 

specific molecules in biological fluid by immunoaffinity chromatography or for 

diagnostic purposes in immunoassays. Whatever the nature of the attached molecular 

probe, uniform layers of well-oriented molecules are obtained by site-directed reaction 

which keeps the binding site accessible. Three specific reaction sites leading to three 

main strategies of oriented immobilisation are used for antibodies (Lu et al., 1996). 

The first strategy is the “biochemical approach” which takes advantage of the selective 

binding of the Fc fragment of antibodies to specific receptors (protein A, protein G). This 

approach involves biofunctionalisation of the solid support by Fc receptors followed by 

binding of the antibody by its Fc fragment (Vijayendran and Leckband 2001; Grubor et 

al., 2004; Briand et al., 2006). 

The two others approaches involve chemical immobilisation of antibodies to solid 

support: 

 The reduction of the disulphide bonds linking the heavy and light chain of the 

fragment antigen-binding (Fab) fragment in the Hinge region is made by 

chemical, photochemical or enzymatic treatments. This creates site-specific thiol 

groups far from the binding sites (Brogan et al., 2003). 

 Straight forward immobilisation of antibody fragments containing thiol site-

specific group can be realised directly onto gold surface (Brogan et al., 2003). 

However, higher immobilisation efficiencies are obtained on thiol reactive 

surfaces. 

Direct grafting of antibodies is obtained by reaction of the aldehyde groups onto amino 

or hydrazide functionalised solid supports (Arenkov et al., 2000). Indirect grafting is 

achieved by using heterodifunctional cross-linkers (4-(N-maleimidomethyl) cyclohexan-

1-carboxylhydrazide, or Biotin-LC-hydrazide) which also gave excellent results 

(Vijayendran and Leckband, 2001). 
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5.7 Summary 

Development of a solid-phase environment that provides optimum bioactivity without 

biomolecule loss, displacement, or surface migration is a common goal of research 

scientists, clinical laboratories, and diagnostic kit manufacturers. Antibody molecules 

and antibody fragments in particular, have enormous potential in the development of 

biosensors. Conventional immobilisation approaches used in immunoassays typically 

yield unstable and mostly incorrectly oriented antibodies resulting in reduced detection 

sensitivities for already low concentration analytes. 

One likely approach is the facile and covalent immobilisation of protein molecules 

without the use of any special tag or chemical modification. This can be achieved 

conveniently via chemical reactive group, maleimide, towards the available sulphydryl 

(–SH) groups on the surface of protein molecules. 

During the research work presented in this study, the maleimide activation of sensors 

surface was done through sulpho-SMCC reagent. The maleimide derivatised surface 

covalently binds sulphydryl groups that become available in biomolecules after the 

reduction of disulphide bonds.  

Many reducing agents carry a free thiol group themselves such as dithiothreitol or 2-

mercaptoethylamine. These free thiol groups interferes with the coupling reaction. 

Considering the difficulty, the most efficient reduction procedure was adapted and TCEP 

tris (2-carboxyethyl) phosphine was used as the reducing agent. The use of TCEP 

provides a convenient and fast way for disulphide bond reduction. 
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CHAPTER 6 MATERIALS AND METHODS 

In this chapter, a brief description of the materials and solutions used for the sensors 

preparation along with experimental techniques are presented. 

6.1 Materials 

6.1.1 General chemicals 

Aniline monomer (99.9%), toluene, methanol (99.9%), acetone (96%), formic acid 

(95%), HCl (35%) used as doping agent, TWEEN 20 (polyoxyethylene (20) sorbitan 

monolaurate) and acetonitrile (99%) supplied by Sigma Aldrich. Sodium dodecyl 

sulphate (SDS 99%, Sigma) was used to form micelles in solution. Ammonium per 

sulphate (APS 98%, Alfa Aesar Chemical Co.) was used to initiate the polymerisation. All 

reagents were used as received without further purification. 3-amino methyl pyridine 

(3-AMP)& 4-amino methyl pyridine (4-AMP) used in preparation of pyridine sensors 

along with dry diethyl ether, tyramine, ferric chloride, 1-cyanoethyl pyrrole and pyrrole 

used in sensor preparation were also supplied by Sigma. Dodecyl benzene sulphonic 

aicd (DBSA), Potassium phosphate dibasic (K2HPO4) and lithium aluminium hydride 

used for oxidation of 1-cyano ethyl pyrrole was supplied by Fisher Scientific (Acros 

Organics). 

Potassium chloride, sodium chloride, potassium ferrocyanide, disodium phosphate 

(Na2HPO4) and monopotassium phosphate (KH2PO4) were supplied by Sigma. All of 

these chemicals were used to make PBS buffer solution of pH 7.2 which was used as 

redox mediator as well as solvent for making various antibodies concentrations. 

Toluene sulphonic acid, dimethyl sulphoxide (DMSO), sodium dodecyl benzene 

sulphonate (SDBS) 80% and 4-aminothiophenol 97% were supplied by Sigma whereas 

HCl (2N) was supplied by Fluka. The reagents were of analytical grade and de-ionised 

water was used throughout the experiments. 
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6.1.1.1 NHS-Biotin 

N-Hydroxysulphosuccinimide (NHS) esters of biotin (Figure 23) purchased from 

Calbiochem are the most popular type of biotinylation reagent. NHS-activated biotins 

react efficiently with primary amino groups (-NH2) in alkaline buffers to form stable 

amide bonds. Proteins (e.g., antibodies) typically have several primary amines that are 

available as targets for labelling, including the side chain of lysine (K) residues and the 

N-terminus of each polypeptide. NHS-Biotin reagents are not directly water soluble and 

must be dissolved in organic solvents such as DMSO or DMF (dimethylformamide) 

before addition to aqueous solutions at the final concentration for the labelling reaction. 

0.0004g NHS-Biotin was dissolved into 80µL PBS and 20µL DMSO. 

 

Figure 23 NHS-Biotin 

6.1.1.2 NHS-LC-LC-Biotin 

NHS-LC-LC-Biotin (succinimidyl-6-(biotinamido)-6-hexanamido hexanoate)  shown in 

Figure 24 was purchased for Thermo Scientific enables simple and efficient biotin 

labelling of antibodies, proteins and any other primary amine-containing 

macromolecules. 10mM solution of NHS-Biotin was immediately used by dissolving 

0.0004g into 80µL PBS and 20µL DMSO solution. 

 

Figure 24 NHS-LC-LC-Biotin 

 

http://www.piercenet.com/browse.cfm?fldID=F330F14F-EBCC-97DB-7F6E-9664D3ACE886#nhsester
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6.1.1.3 Western blotting substrate 

The Thermo Scientific Pierce enhanced luminol-based chemiluminescent (ECL) Western 

Blotting Substrate is a highly sensitive nonradioactive substrate for the detection of 

horseradish peroxidase (HRP) on immunoblots. Pierce ECL Western blotting substrate 

enables the detection of picogram amounts of antigen and allows for easy detection of 

HRP using photographic or other imaging methods. Equal amounts of both substrates 

were mixed for imaging free -NH2 groups. 

6.1.1.4 Amicon membranes 

Amicon Ultra-0.5, Ultracel-100 Membrane, 100 kDa and Amicon Ultra-0.5, Ultracel-50 

Membrane, 50 kDa supplied by Millipore were used for biotinylation and generating half 

antibodies. These membranes are used for the size exclusion and protein fractionation 

and also concentration of biological samples containing antigens, antibodies, enzymes or 

nucleic acids. 

6.1.1.5 TCEP.HCl 

TCEP.HCl supplied by Thermo Scientific selectively and completely reduces even the 

most stable water-soluble alkyl disulphides over a wide pH range. Reductions frequently 

require less than 5 minutes at room temperature. Schematic presentation of reduction of 

disulphide bond is shown in Figure 25.  

 

Figure 25 Reduction of organic disulphide bonds with TCEP 

As TCEP does not contain thiols therefore it does not have to be removed from solutions 

before performing reactions involving maleimide labelling or cross-linking reagents. In 

most situations, TCEP concentrations < 10-20mM are compatible with maleimide 

reaction chemistry. Initially 10mM stock solution of TCEP was prepared in PBS and 

further diluted to 3mM for biosensor preparation and immobilisation of antibodies. 
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6.1.1.6 Sulfo-SMCC crossLinker 

Sulfo-SMCC was supplied by Thermo Scientific. It is a heterobifunctional crosslinker 

which contain N-hydroxysuccinimide (NHS) ester and maleimide groups as shown in 

Figure 26 which allow covalent conjugation of amine- and sulphydryl-containing 

molecules. NHS esters react with primary amines at pH 7-9 to form amide bonds, while 

maleimides react with sulphydryl groups at pH 6.5-7.5 to form stable thioether bonds. 

10mM solution of SMCC was prepared by dissolving 0.0003g into 20µL DMSO and 80µL 

PBS solution. 

 

Figure 26 Sulfo-SMCC 

6.1.1.7 Bovin serum albumin (BSA) 

Bovin serum albumin (BSA) was selected as the blocking solution for the immunoassay. 

This blocking solution was specially selected to impede the nonspecific molecule binding 

during immobilisation. Commercially available BSA was supplied by Pierce. 

6.1.2 Solutions 

6.1.2.1 Potassium phosphate buffer, 0.1 M 

Two different solutions referred as stock solution A and stock solution B were initially 

prepared and later mixed by following the Table 4 to get the desired pH. 

Solution A: 27.2 g KH2PO4 per litre (0.2 M final) in water. 

Solution B: 34.8 g K2HPO4 per litre (0.2 M final) in water. 

Referring to Table 4 for desired pH, the indicated volumes of solutions A and B were 

mixed, then diluted with water to 200 ml. Filtered when necessary and then stored up to 
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3 months at room temperature. This buffer may also be made as a 5- or 10-fold 

concentrate simply by scaling up the amount of potassium phosphate in the same final 

volume.  

Table 4    Preparation of 0.1 M sodium and potassium phosphate buffers 

Desired 
pH  

Solution A 
 (mL)  

Solution B 
 (mL)  

Desired 
pH  

Solution A 
 (mL)  

Solution B 
 (mL)  

5.7  93.5  6.5  6.9  45  55  

5.8  92  8  7  39  61  

5.9  90  10  7.1  33  67  

6  87.7  12.3  7.2  28  72  

6.1  85  15  7.3  23  77  

6.2  81.5  18.5  7.4  19  81  

6.3  77.5  22.5  7.5  16  84  

6.4  73.5  26.5  7.6  13  87  

6.5  68.5  31.5  7.7  10.5  90.5  

6.6  62.5  37.5  7.8  8.5  91.5  

6.7  56.5  43.5  7.9  7  93  

6.8  51  49  8  5.3  94.7  

 

Phosphate buffers show concentration-dependent changes in pH, after checking the pH 

of the concentrate by diluting an aliquot to the final concentration. To prepare buffers 

with pH intermediate between the points, first concentration was prepared closest to 

higher pH, and then titrated with solution A. 

6.1.2.2 Phosphate buffered saline (PBS) 

PBS was consumed throughout the assay. Most of the molecules and proteins were 

diluted in this buffer. After incubation sensor surfaces were washed with PBS in order to 

extract the unbound particles or proteins. The phosphate buffered saline (PBS) of pH 7.2 

was prepared by dissolving 8g (0.137 M) of NaCl, 0.2g (2.7 mM) KCl, 0.24 g (1.4mM) 

KH2PO4, and 1.44 g (0.01M) Na2HPO4 in one litre of distilled H2O. 
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6.1.2.3 Triton X-100, 10% (w/v) 

One mL of Triton X-100 was dissolved into 10 mL of distilled H2O, stirred and stored 

while protected from light for up to 6 months at room temperature. 

6.1.2.4 Tween 20 

0.1% (w/v) polyoxyethylenesorbitan monolaurate (Tween 20) was dissolved in PBS. It 

can be stored up to several months at 4°C. 

6.1.3 Electrodes 

6.1.3.1 Screen printed gold electrodes 

Gold was chosen as the working electrode material due to its availability, ease of 

preparation (electrodeposition, sputtering and physical vapour deposition) and 

patterning using screen printing. In addition to this, it is a relatively inert metal as it 

does not oxidise at temperatures lower than its melting point and does not show 

reactivity towards chemicals and atmospheric oxygen. This is advantageous as 

experiments do not require a clean room environment or a vacuum, making this 

material suitable for biological applications. 

6.1.3.1.1 Electrode design and production 

The electrode used in the project is screen printed with high temperature curing inks 

designed and produced by DropSens (Asturias, Spain) is shown in Figure 27.  

 

Figure 27 Drop sensor gold electrode design 
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Disposable gold electrodes are ideal for working with microvolumes, or by dipping them 

in solution and are suitable to develop specific biosensors.  

The dimensions of a simple screen printed electrode are given in Table 5. These 

electrodes are specifically designed to work in solution by entirely immersing sensing 

area. 

Table 5    Dimensions of screen printed gold electrodes 

 

 

 

 

a) Working electrode  

It is the electrode on which the reaction occurs in an electrochemical system (Zoski, 

2007). In an electrochemical system with three electrodes, the working electrode (WE) 

can be referred as either cathodic or anodic depending on the reaction on the working 

electrode is a reduction or an oxidation. There are many kind of working electrodes such 

as glassy carbon electrode, screen printed electrode, Pt electrode, gold electrode, silver 

electrode, Indium tin oxide coated glass electrode, carbon paste electrode, carbon 

nanotube paste electrode etc.  

Screen printed electrodes are prepared with depositing inks on the electrode substrate 

(glass, plastic or ceramic) in the form of thin films. Different inks can be used to get 

different dimensions and shapes of biosensors. Screen-printed electrochemical cells are 

widely used for developing amperometric biosensors because these biosensors are 

cheap and can be produced at large scales. This could be potentially used as disposable 

sensor that decreases the chances of contamination and prevents loss of sensitivity. 

Performance factors of an electrochemical biosensor are: Selectivity, response time, 

sensitivity range, accuracy, recovery time, solution conditions and the life time of the 

sensor. 

Ceramic substrate L33 x W10 x H0.5 mm 

Electric contacts Silver 

Working electrode Gold 

Counter electrode Gold 
 

Reference electrode Silver 
 



75 

 

Working electrodes used in this research work were screen printed gold electrodes. 

These comprised of two oval shaped gold working electrodes (WE1 and WE2), both 

fired onto a ceramic base along with U shaped counter and silver reference electrode 

which were also printed on the same transducer base.  

a) Reference electrode  

Reference electrodes (RE) are chosen due to their ability to maintain a stable double 

layer, and therefore potential, against which other potentials may be compared. 

Typically a reference will measure the potential difference between the working 

electrode and the counter electrode. This allows the system to maintain a controlled 

applied voltage to the working electrode throughout experiments. 

Ag/AgCl electrodes are commonly used in electrochemistry due to their well-studied 

and highly efficient redox mechanism.  

A typical redox reaction is shown in equation 12. 

Ag+  + Cl-   ↔  AgCl (12) 

The reference potential provided depends upon the number of Cl− ions in solution, but 

typically an Ag/AgCl gives a potential of 0.199 V vs. normal hydrogen electrode in 1 M 

KCl. They are suitable for use in biological applications as they are non-toxic, can 

operate over a range of temperatures and do not alter pH. 

Reference electrodes are also called non-polarisable electrodes as the potential of the 

electrode will not change from its equilibrium potential, irrespective of current flow in 

the electrochemical cell (Scott and Lukehart, 2007). The Ag/AgCl reference electrode 

used in this research work was integrated and printed onto the ceramic transducer base. 

The rig used for the DropSensor electrodes is shown in Figure 28 (A) and the electrode 

holder is shown in (B). 

The counter or auxiliary electrode (CE) is the final electrode in the three electrode 

system. Its purpose is to complete the circuit by providing current to the working and 

reference electrodes and should be comprised of an inert conductor. The auxiliary 

electrode functions as a cathode whenever the working electrode is operating as an 
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anode and vice versa. The potential of the auxiliary electrode is not measured against 

the reference electrode but adjusted to balance the reaction occurring at the working 

electrode. This configuration allows the potential of the working electrode to be 

measured against a known reference electrode. The counter electrode must be at least 

ten times the surface area of the working electrode to allow efficient exchange of 

electrons such that the electrochemistry is not limited. 

 

Figure 28 (A) The three electrode rig and (B) electrode holder used in impedance 
studies 

b) Counter electrode 

Auxiliary electrode is often fabricated from electrochemically inert materials such as 

gold, platinum or carbon. A gold counter, fired in the same way as the working 

electrodes located on the DropSensor chip was auxiliary electrode.  

6.1.4 Conductive sensing layer 

The most important component of the sensor is the sensing layer. Conductive polymers 

are excellent platforms for the immobilisation of biomolecules at electrode (Tully et al., 
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2008). Various types of conductive polymers were considered as suitable conductive 

inks for the immobilisation of antibodies onto the sensor.  

Polyaniline, polythiophene, and polypyrrole are biocompatible among conducting 

polymers.  These polymers cause minimal and reversible disturbance to the working 

environment and protect electrodes from fouling. However, only polyaniline, 

polypyrrole are most extensively used in biosensors.  

In a biosensor fabrication the microstructure orientation and the high surface area also 

facilitate high biomolecule loading and hence highly sensitive detection is possible. 

Moreover, the relative stability of a biosensor is increased due to efficient bonding of 

biomolecule on the transducer surface which improves reproducibility (Arshak et al., 

2009).  

Conductive nanoparticles with amino functionality could be used as electro conductive 

molecular glue’s to act as immobilisation coatings for the antibodies. Keeping in account 

functionality and properties four different conductive polymers (CP’s) have been 

synthesised and deposited onto the electrode surface for initial testing against Neisseria 

gonorrhoea and Chlamydia trachomatis antibodies. These CP’s includes polyaniline, poly 

(4-amino methyl) pyridine, poly (3-amino propyl) pryrrole and polytyramine. Each of 

these polymers will be discussed in details individually in the following chapters. 

6.1.5 Pathogens 

Neisseria gonorrhoea β-lactamase (+) ve and (-) ve strains were cultured at biochemistry 

department, University of Leeds. Both types of pathogens were heat killed before testing 

against any sensors.  

Chlamydia trachomatis inactivated pathogens strain 434 cultured in mouse L cell was 

purchased from AbdseroTec. 
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6.1.6 Antibodies 

Various antibodies were used to make, characterise and test biosensors. A list of 

antibodies along with their origin and source are given in Table 6. 

Table 6   List of antibodies 

Antibody Origin Source 

Anti-neisseria gonorrhoea 
β-lactamase (+)ve 

Rabbit polyclonal IgG GenScript (USA) 

Anti-neisseria gonorrhoea 
β-lactamase (-)ve 

Rabbit polyclonal IgG GenScript (USA) 

Anti-chlamydia Goat polyclonal IgG AbDseroTec 

HRP-conjugated IgG Goat monoclonal IgG Sigma 

HRP-streptavidin IgG Goat monoclonal IgG Sigma 

Anti-digoxin Sheep polyclonal IgG 
Therapeutic 

Antibodies UK Ltd. 
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6.2 Methods and techniques 

6.2.1 Electrochemistry experiments 

All electrochemistry experiments were based on a three electrode system in an 

electrochemical cell. The experiments were carried out by using transducers that 

integrated all three onto one sensing chip. The working and counter electrode used 

were gold, where as the reference was Ag/AgCl. The three electrode system was 

controlled by an EcoChemie µAutolab Type III frequency response analyser (FRA-2) 

(Windsor Scientific Limited, Slough, Berkshire, UK) potentiostat. This was used to apply 

a current to the electrochemical cell through the counter electrode. The voltage 

difference between the working electrode and the reference electrode was then 

measured. The Autolab measured the difference between the cell voltage and the 

desired voltage completing a feedback loop, causing an amplifier to drive current into 

the cell to maintain the voltages. Autolab software was used to acquire electrochemical 

measurements and for further data analysis. All electrochemical interrogation was done 

at room temperature. 

6.2.1.1 Cyclic Voltammetry Analysis 

Cyclic voltammetry (CV) was used at different stages of construction to characterise the 

sensor surface using GPES software on µ AUTOLAB type III. 

6.2.1.2 Electrochemical impedance spectroscopy analysis 

Electrochemical impedance spectroscopy (EIS) was used to monitor analyte recognition 

using FRA software on FRA-2 µAUTOLAB type III. The impedance analysis was 

performed over a range of frequencies ranging from 0.1 Hz to 10,000Hz, using a 

modulation voltage of 10 mV at an applied voltage of 0.4 V. Both impedance and CV 

experiments were mainly performed in an electrolyte solution of 10 mM 

K3[Fe(CN)6]/K4[Fe(CN)6] (1:1 ratio) in 100 mM PBS, pH 7.0. EIS reading was taken at 

each layer of sensor construction and also before and after bacterial incubation. All the 

experiments were replicated (n =>3) with independent sensor surfaces and change in 
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impedance after analyte addition was normalised against sensor level impedance (with 

no bacteria incubated). 

6.2.2 Scanning electron microscopy (SEM) 

Various polymers were prepared through chemical polymerisation and the 

morphologies and size of these particles were studied with field emission scanning 

electron microscopy (JOEL JSM-6610LV). All SEM pictures were taken after drop casting 

polymer suspension onto chip and coated with gold by sputtering for 10 s. Photographs 

were obtained at 5 or 15 kV and at a working distance 1μm-100µm. 

6.2.3 FT-IR analysis 

Polyaniline, poly (4-aminomethyl) pyridine, poly (3-aminopropyl) pyrrole and 

polytyramine were characterised by attenuated total reflectance (ATR) spectra 

recorded by Alpha FT-IR Spectrometer. 

6.2.4 Preparation of antibody for immunosensor 

6.2.4.1 Biotinylation of antibodies 

Biotin modification of protein molecules is called biotinylation, resulting in covalent 

derivatives containing one or more bicyclic biotin rings extending from the parent 

structure. These biotinylation sites are still capable of binding avidin or streptavidin 

with the specificity of free biotin in solution. Since the biotin components are relatively 

small. Macromolecules can be modified with these reagents without significantly 

affecting their physical or chemical properties. Figure 29 shows a schematic 

presentation of biotinylation of protein through sulpho-NHS-biotin. 

Biotinylation was performed by dissolving 0.8mg of NHS-biotin in 35µL of 20% DMSO 

and volume made up to 200µL with PBS buffer solution (PH 7.2). Antibodies (5 mg ml-1) 

were incubated with (+)-Biotin N-hydroxysuccinimide ester (NHS-biotin; 0.2 mg ml-1) in 

PBS under gentle agitation for 1 hour. Unbound NHS-biotin was removed by three 

rounds of centrifugation through a 30 kDa molecular weight cut-off filter at 14, 000 rpm 

for 2.5 min each time. 
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Figure 29 Reaction of sulpho-NHS-biotin with primary amine (Thermo, 2014) 

6.2.4.2 Reductive cleavage of antibodies  

Equal volume of Ab (~ 5-7 mg/ml) were added into 3mM TCEP.HCl solution in PBS-

EDTA (pH 7.2), for example 50 µl of Ab plus 50 µl of TCEP.HCl to keep the ratio 1:1. 

After incubating the mixture for 30 minutes at room temperature, 50 µl of reaction 

mixture was taken into 100 kDa filter. To make the total volume upto 400 µl, 350 µl of 

PBS-EDTA was added into it. The filter was spun at 14,000 rpm for 2.5/3 min and 

repeated the procedure 2 more times with top up with PBS-EDTA each time. After the 

third run roughly ~50 µl in the filter was obtained. The filter was inverse spun at 1000 

rpm for 30 s to get the product in an empty tube. The collected product was then 

transferred into 50 kDa filters and spun again at 14,000 rpm for 2.5/3 min. The desired 

concentrated half antibody population was collected into the filtrate and used straight 

away onto neutravidin or SMCC activated surfaces of a biosensor to avoid any 

recombining. 

Neisseria gonorrhoea β-lactamase (+) ve, Neisseria gonorrhoea β-lactamase (-) ve and 

Chlamydia were used as specific antibodies where as antidigoxin was used as negative 

control for nonspecific binding. 
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6.2.5 Construction of immunosensor 

6.2.5.1 Modification of electrode surface 

Immunosensors based on conducting polymers were prepared by three different 

methods. All three types of electrodes based on different methods of polymer film 

deposition are given in Figure 30. 

 

Figure 30 Sensors fabricated by (A) Electrodeposition (B) in-situ polymerisation (C) 
drop casting 

The first set of sensors was prepared by electrodepositing aniline, 4AMP, 3APPy and 

tyramine onto clean gold electrodes via cyclic voltammetry. The electrode labelled as (A) 

is prepared through electropolymerisation of polyaniline. In the second set all polymers 

were deposited onto electrode surfaces through in-situ polymerisation. The elecyrode 

labelled as (B) is prepared through placing 2µl of aniline solution in HCl and KCl 

solution and 2µl of 1M APS solution onto the working electrodes surfaces. Once oxidant 

was added into the monomer, polymerisation started and after one minute the 

electrode was washed thoroughly with distilled water and dried. The final set of sensors 

was prepared through dropcasting the polymeric suspensios onto gold electrodes. The 

sensor labelled as (C) is prepared through casting a drop of chemically polymerised 

polyaniline onto the gold surface. The same procdure was employed for other polymers 

as well. Once all sensors were fabricated, they were washed several times with buffer 

and dried under an Ar2 stream.  
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6.2.5.2 Immobilisation of antibodies 

The immobilisation of antibodies was carried out on polymer coated gold electrode and 

modified through SMCC. A schematic presentation of immobilisation of antibodies onto 

the electrode surface is given in Figure 31. Depending on steric hindrance and type of 

IgG, the thiol groups may react with more than sulfo-SMCC linker and in reality would 

not be orientated as shown in Figure 31. The scale shown in the schematic presentation 

does not correspond to the real size of the species involoved.  

 

Figure 31 Schematic presentation of immobilisation of ½ antibody onto SMCC 
modified poly(4-aminomethyl)pyridine electrode 
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Once the polymer was coated onto the electrode, they were incubated with 5 mM 

sulphosuccinimidyl 4-[N-maleimidomethyl] cyclohexane- 1-carboxylate (sulpho-SMCC) 

solution in 10 mM PBS-EDTA (pH 7.2) for 1 hour at room temperature (Tully et al., 

2008). The modified electrodes were then rinsed several times with buffer before 

drying under an Ar2 stream. Previously reduced non specific antibody (antidigoxin) 

discussed under section 6.2.4.2 was applied onto sulpho-SMCC modified surface of WE1 

where as specific antibodies (Neisseria gonorrhoea and Chlamydia trachomatis) were 

applied on WE2 and incubated for 1 hour. After incubation, the electrodes were washed 

with 3% sucrose solution. These electrodes were then interrogated electrochemically 

against various concentrations of Neisseria gonorrhoea β-lactamase (+) ve, Neisseria 

gonorrhoea β-lactamase (-) ve and Chlamydia trachomatis heat killed pathogens for 

analyte detection.   

6.2.5.3 Construction of calibration curve 

A calibration curve (or standard curve) establishes the relationship between the 

amount of material present and the signal intensity measured. In the case of 

immunoassays, this would represent the relationship between the antigen 

concentration and the signal intensity obtained. This relationship is often non-linear, 

and in many applications displays a dynamic range (or response range) of 

approximately two orders of magnitude in the concentration of targeted antibody. To 

perform a quantitative immunoassay, a set of “calibration standards” containing the 

antigen were prepared through serial dilutions ranging from 102 to 108 in PBS-EDTA pH 

7.2.  

A calibration curve was constructed against Neisseria gonorrhoea β-lactamase (+) ve and 

(-) ve along with Chlamydia trachomatis. Each type of sensor based on polymer was 

incubated with a respective concentration, starting from the lowest and incubated for 

atleast 10 minutes each. After incubation, the sensor was rinsed and washed thoroughly 

with PBS solution and impedance scan was recorded in K3[Fe(CN)6]/K4[Fe(CN)6] 

solution. For the calibration purposes, each concentration was tested against multiple 

sets of electrodes and once impedance data was collected a Nyquist graph was plotted. 
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A general experimenta scheme of sensor preparation and testing against antibodies is 

presented in Figure 32. 

Gold Electrode 

 

Electrodeposition of CPs onto the Gold surface to form Thin Polymer Layer 

Surface activation through sulfo-SMCC (30 minutes incubation in moist chamber) 

Wash thoroughly with PBS-EDTA buffer solution of pH 7.2 

 

Incubated surface activated electrodes with 2.5mg/ml half generated antibodies for 1-2 

hours 

 
Wash with 3% sucrose solution 

 
 

Incubate first concentration of 10
2
 particles/mL of antigen on the sensor surface for 10 

minutes in a moist chamber and record change in impedance in Fe(CN6)
3-/4- 

solution. 

Once change in resistivity is recorded 2
nd

 concentration of 10
3
 particles/mL is incubated 

onto the same sensor surface and any change in impedance is recorded  

 

Data plotted in the form of Nyquist Plot along with respective calibration curves for both 

specific and nonspecific antibodies. 

  

Figure 32 Schematic presentation of immunosensor preparation protocol 
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6.2.6  Midland blotting 

Midland blotting, a chemiluminescence-based, semi-quantitative technique was used to 

rapidly interrogate a number of key features of sensor surfaces. The technique is based 

upon the commonly-used biochemical western blotting procedure which allows the 

visualisation and quantification of proteins based upon chemiluminescence from 

specifically-bound reagents. Figure 33 presents a schematic outline of the midland 

blotting technique.  

 

Figure 33 Overview of midland blotting  

During biosensor construction, the electrode surface is typically functionalised with 

either a polymer or co-polymer, or a self-assembled monolayer (SAM). The transducer 

layer presents functional groups to which bioreceptors can be attached, which facilitate 

the specific detection of bound analyte. Midland blotting allows the detection of any 

component of the biosensor surface through the attachment of a horseradish 

peroxidase (HRP)-conjugated reagent to the target. Once enhanced chemiluminescence 

substrate (ECL) is added, HRP catalyses the oxidation of luminol into a reagent which 

emits light when it decays. The light signal is proportional to the bound HRP on the 

sensor surface. Two types of sensors were fabricated for chemiluminescence analysis, 

(A) through electrodeposition of polymer (B) by drop casting chemically polymerised 

polymer suspension. For the detection of free amine (–NH2) groups, functionalised 

electrodes were incubated in the presence of NHS-biotin (4 mg ml-1 in PBS containing 

20% (v/v) DMSO) for 30 min in order to attach biotin to the free amine groups. All 

incubations were conducted in a moist chamber comprising of a closed petri dish 
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containing moist tissue to avoid any evaporation as small volumes of reagents were 

pipetted on the electrode (Barton et al., 2009). After incubation all sensors were washed 

at least three times with dH2O followed by drying in argon. Later, all electrodes were 

incubated with HRP-streptavidin (1 µg ml-1 in PBS) for 30 min (Billah et al., 2010) and 

were washed again three times with PBS and once with PBS containing 0.1% (v/v) 

Tween-20 to aid removal of non-specific binding, with a final wash with PBS. Electrodes 

were dried in argon in between incubations and after washing steps to allow precise 

pipetting of reagents onto the working electrodes. Finally, ECL reagent was pipetted 

carefully onto the working electrodes and chemiluminescence detected after few 

minutes using a G:BOX Gel Imaging System (Syngene Ltd., Cambridge, UK). Images 

presented are either chemiluminescence (white light on a black background). 

Figure 34 shows intensity of signals for available free amino groups in all four polymers 

modified sensors. The high intensity of light is considered as a strong signal which 

shows maximum number of amino groups. Figure 34 (A) presents intensity of free –NH2 

on electrodeposited polymer layer onto the electrode and it shows very high intensity of 

–NH2 groups with even distribution onto the surface. Whereas Figure 34 (B) presents 

intensity of free –NH2 on drop casted sensors which are randomly distributed onto the 

gold surface.  

 

Figure 34 Chemiluminescence analysis of electrodeosited and drop casted sensors 

As drop casted sensors have uneven polymeric layer therefore the signal strength is 

high at more dense and thick polymer layer and low at thin coated area.  
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CHAPTER 7  POLYPYRIDINE BASED BIOSENSORS 

7.1 Introduction 

Electronically conducting polymers have been receiving a great deal of attention due to 

their novel properties and their possible applications to many devices. Of various 

possible applications, modification of electrode surfaces with these polymers so that 

they selectively interact with biomolecules has been an important area of research in 

biochemistry. The novel example of conducting polymer used in fabrication of a 

biosensor is polyaniline which has amino groups and it interacts with heavy proteins 

such as antibodies by forming a complex with amine groups in the polymer matrix. A 

similar system may be found if aminopyridine is polymerised since it has a pyridine 

type of nitrogen that may act as an additional functional group. 

Only a few studies have been reported on electrochemical oxidation of 2-aminopyridine 

(Kumar, 1988) and the electrochemical polymerisation of aminopyridines in the 

literature (Hayat, 1987; Park et al., 1996). In these studies, polymerisation reactions 

have been studied and their products are identified. 

None of these studies has addressed its biological applications. In this study the 

electrochemical and chemical oxidative polymerisation 4-aminopyridines were carried 

out and the resulting polymer was characterised in terms of their biochemical 

properties. The resulting polymer was characterised through FTIR and SEM.  

7.2 Polymerisation of 4AMP 

7.2.1 Chemical polymerisation 

There are currently conductive polymers can be synthesised by either chemically or 

electrochemically. During chemical synthesis the monomer solution is mixed with an 

oxidising agent (e.g. ferric chloride, ammonium persulphate). This process creates a 

powder or a thick film of the polymer, and allows its bulk production, which makes it 
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the method of choice for commercial applications (Balint et al., 2014). 4-aminomethyl 

pyridine has never been reported to be used as biosensing material in literature before. 

In this research work experimental work was carried out to study the feasibility of 

4AMP as potential platform for immobilisation of antibodies. As 4AMP has amino group 

available to facilitate protein immobilisation therefore various sets of sensors were 

prepared based on poly (4AMP) and tested against various concentrations of 

antigens.The electropolymerisation of 4AMP has been reported by Park et al., 1996 but 

the chemical synthesis of poly (4-amino methyl pyridine) has never been reported 

before. Therefore efforts were made to synthesised poly (4-amino methyl pyridine) 

through oxidative polymerisation. Figure 35 depicts the polymerisation scheme of 

4AMP. A set of experiments were carried out to optimise the concentration of monomer 

andoxidant ratio. 

 

Figure 35 Proposed scheme of polymerisation of 4-(amino methyl) pyridine 

Initially  200mM solution of 4-amino methyl pyridine (4AMP) was prepared in 1M HCl. 

The oxidant solution (1M ammonium per sulphate in HCl) was added into the solution 

dropwise with continuous stirring but no precipitation occurs. In a second set of 

experiment, 200mM solution of 4AMP was prepared in 50mL of 1M NaOH solution.10 

ml of 0.5M FeCl3 used as an oxidant was added dropwise into the solution mixture with 

a continuous stirring. As soon as the oxidant was added into the reaction mixture, thick 

deep brown precipitates were formed instantly. The polymerisation was allowed to 

continue under continuous stirring for one hour. After one hour, the precipitates were 

filtered and washed with water for several times to remove any traces of unreacted 

monomer.  



 

90 

 

The particle size can be decreased by changing molar concentration of monomer in the 

reaction mixture. To reduce the particle size a lower concentration of 0.2M monomer 

was polymerised under the same reaction conditions and resulting polymer suspension 

was studied through SEM. The SEM pictures revealed smaller particles size which 

resulted in more surface area for the immobilisation of biomolecules. Figure 36 (a) 

shows SEM picture of the poly (4-amino methyl pyridine) particles with 1M 4AMP 

solution where as Figure 36 (b) shows much smaller particle size with 0.2M 4AMP. The 

precipitates of poly (4AMP) were washed and characterised through FTIR, midland 

imaging and SEM.  

 

Figure 36 SEM pictures of poly (4-amp) particles at (a) 1M and (b) 0.2M monomer 
concentration 

 

7.2.2 Electrochemical polymerisation  

Polypyridines were also synthesised through electrochemical polymerisation. As it is 

new and novel polymer in the field of biosensors thereby initially electroploymeristaion 

was adapted as the preferred method of synthesis. 4AMP was deposited on gold 

electrode by cyclic voltammetry. The electroploymerisation was performed on 

μAUTOLABIII equipped with a three electrode system under constant potential 

conditions. An Ag/AgCl electrode was used as the reference electrode. The polymer film 

was electrodeposited onto gold electrode surface from 0.2M solution of 4-amino methyl 
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pyridine dissolved in 1M HCl. The potential range used for electrodeposition was 0.1 V 

to 1.0 V at a scan rate of 50mVs-1. 

Initially, CV was carried out for total 20 scans but after 12 scans a flat line was apparent 

and electrdeposited polymer also started to drip down from the electrode. Therefore, 

the numbers of scans were reduced to 8 scans and number of electrodes was prepared 

through 4-AMP electrodeposition. All experiments were carried out at room 

temperature. Once deposited with the polymer film, the poly (4-amp) modified 

electrode was thoroughly rinsed with distilled water for several times and later dried 

with a stream of argon gas.  

Figure 37 shows the successive cyclic voltammograms recorded during the 

electrochemical oxidation of 4AMP on gold electrode.  

 

Figure 37 Cyclic voltammograms of poly(4-AMP) 

The reduction peak of the product poly (4-AMP) was observed at about 0.48V during 

the first voltage scan for the monomer. Whereas the oxidation peak during the anodic 

scan was observed at 0.82V. As the scan continues, the oxidation peak decreased during 
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the second scan (Figure 33, scan 2) but increases again after the third scan (Figure 33, 

scan 3). This must be due to the increase in electroactivities of the surface film formed 

after the second scan. The increase in conductivity might have resulted from longer 

polymer chains as the scan number increases. 

7.3 Characterisation of poly (4-aminomethyl) pyridine 

7.3.1 FTIR analysis 

An FTIR spectrum obtained from poly (4-amp) is shown in Figure 38.  

 

Figure 38 FTIR spectra of poly(4-amp) 

In the spectrum, the N-H stretching band is clearly seen at 3127 cm-1 whereas N-H 

deformation bands of primary amines are at 1627 cm-1. The band obtained at 1544 cm-1 

can be associated with C=N stretching whereas absorption bands at 1444-1410 cm-1 

evidenced to C-N stretching region for aromatic amines. The peak at 887 cm−1 is 

attributed to the out-of-plane bending of C-H.  (Park et al., 1996), (Abdolahi et al., 2012). 
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7.3.2 SEM analysis of poly (4amp) modified surfaces 

The morphologies of different electrode surfaces casted by poly (4-aminomethyl) 

pyridine were characterised by the scanning electron microscope. Figure 39a shows 

bare gold electrode surface which has uneven surface with obvious cracks on it. Once 

poly (4-amp) film was electrodeposited, it formed a thick film coating which covered the 

surface evenly and also filled all the cavities as shown in Figure 39b. Figure 39c shows 

SEM picture of drop casted electrodes, where a polymeric suspension was casted onto 

working electrodes. It shows a thin layer onto gold surface and size of cavities has also 

reduced which is apparent that the small particles of poly (4-amp) have been adsorbed 

onto the surface. The adsorption of particles between interstices filled the gaps and 

surface appeared even as compared to bare electrode. 

 

Figure 39 SEM analysis of a) bare electrode b) poly(4-amp) electrodeposited and c) 
poly(4-amp) drop casted 

7.4 Impedance studies of 4-amp based immunosensors 

Electrochemical impedance spectroscopy has been used as a sensitive and powerful 

technique to study sensor interfaces. The impedance of a surface can be analysed with 

the complex Nyquist plot, when real and imaginary impedance components are plotted 

as a function of a wide range of frequencies. Generally, an equivalent circuit model 

(Randles circuit) can be drawn out of the Nyquist plot to derive individual components 

of a sensor system for example solution resistance (Rs), double layer capacitance (Cdl), 

and charge transfer resistance (Rct). During the layer-by-layer sensor construction or 
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analyte addition, the change in Rct can be measured if the experiment is performed in 

the presence of a redox mediator. This process is known as faradic impedance 

measurement, where impedance to the redox mediator is detected due to increased 

deposition of material on the sensor surface. The change in Rct can be normalised by 

calculating percentage change in Rct. This can be done by calculating the percentage 

change of Rct over immunosensors level Rct. The normalisation is usually useful as the 

Rct values among different electrodes vary because of sensor-to-sensor variability and 

multiple incubation steps. 

The physiochemical properties of the sensor surface changes upon the chemical binding 

of both bio-receptor and analyte. Electrical impedance spectroscopy (EIS) system could 

be used to capture the impedance change on the sensor during the surface modification 

steps and analyte binding. 

In this study, a poly (4-amp) layer was electrodeposited on the gold surface to 

immobilise half-antibody fragments. After the deposition of polymer, the electrode 

surface coated with poly (4-amp) was modified through sulpho-SMCC. Sulpho-SMCC 

comprises of a thiol directed maleimide group and an N-hydroxysuccinimide ester (NHS) 

which allows attachment to the amine group on poly (4-amp). 

The NHS group of sulpho-SMCC covalently bound to the immobilised poly(4-amp), 

which allowed the opposing maleimide to bind to the reduced antibody. It was possible 

to bind the antigen by selectively cleaving the heavy chains at the hinge region with 

TCEP. This exposed at least one pair of thiol groups belonging to the cysteine residues 

that previously formed the disulphide bridges between the two heavy chains of the 

antibody. The half-antibody fragments therefore covalently bound to the maleimide 

group on the linker molecule, completing the functional immunosensor assembly. 

Once immunosensors for Neisseria gonorrhoea β-lactamase (+) ve, Neisseria gonorrhoea 

β-lactamase (-)ve and chlamydia were constructed successfully they were interrogated 

and characterised through impedance spectroscopy. Electrochemical impedance 

spectroscopy (EIS) was conducted using FRA software on an AUTOLAB type III 

electrochemical workstation. Before testing with respective analyte either Neisseria 

gonorrhoea or Chlamydia, the fully fabricated biosensor was immersed into electron 
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mediator solution of 10mM K3[Fe(CN)6]/K4[Fe(CN)6] for 30 minutes and then incubated 

with range of respective antigen concentrations. A set of heat killed bacterial 

concentrations were prepared ranging from 102 ml-1 to 108 ml-1 for each analyte. The 

difference in charge transfer resistance across the surface of the sensor was used to 

construct calibration curves for all the concentrations. The impedance features are 

discussed in terms of Nyquist plots to analyse the immunosensor response.  All 

impedance experiments were performed in an electrolyte solution of 10 mM 

K3[Fe(CN)6]/K4[Fe(CN)6] (1:1 ratio) in 10Mm PBS, pH 7.4. The study carried out on 

different types of sensors is discussed in details individually in the following section of 

this chapter. 

7.4.1 Test of poly (4-amp) based sensors against Neisseria gonorrhoea 

Two different sets of poly(4-amp) based sensors were constructed with both Neisseria 

gonorrhoea β-lactamase (+)ve and Neisseria gonorrhoea β-lactamase (-)ve respectively. 

Each set of sensors was incubated with particular antigen concentration starting form 

lowest and impedance spectra were recorded. A small amplitude perturbing sinusoidal 

voltage signal of 0.4 V was applied over the range 0.1 Hz -10,000 Hz to the 

electrochemical cell, containing the same redox mediator of Fe(CN6)3−/4− in PBS at pH 

7.2. The resulting current response was recorded using an EcoChemie µAutolab Type III 

frequency response analyser (FRA-2). This technique was applied for both NG (+)ve and 

NG (-)ve sensors and the results were analysed in the form of Nyquist plots.  

The Randles equivalent circuit was applied to determine the electron transfer resistance 

(Rct) between bulk solution and the working electrode interface. Nyquist plots showed 

data obtained from impedance spectroscopy plotted in the form of a complex plane 

diagram. This was comprised of the imaginary (-Z”) vs. real impedance (Z’) of a circuit, 

which are derived from the capacitance and resistance of the cell respectively. 

The Nyquist plot shown in Figure 40 was plotted against NG (+)ve antibody 

concentration. It is evident that there is an gradual increase in electron transfer 

resistance following analyte recognition with the increase of neisseria gonorrhoea β-

lactamase (+)ve antibody concentration.  
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In the Nyquist plot, the impedance spectra include a semicircle portion and a linear 

portion. The semicircle portion at higher frequencies corresponds to the electron-

transfer limited process, and the linear portion at lower frequencies represents the 

diffusion-limited process. The semicircle diameter equals the charge-transfer 

resistance, Rct.  

The poly (4-amp) film modified gold electrode reveals a semicircle domain (Figure 40, 

curve 1), implying an electron-transfer resistance of the redox probe. After the 

electrode was conjugated with NG (+) ve concentration comprising 102 particles ml-1, 

the Rct (Figure 40, curve 2) was increased.  Subsequently, 103 particles ml-1 were 

incubated on the modified electrode and the Rct  increased again and kept increasing 

until 106 particles ml-1 (Figure 40, curve 3-6) but decreases after  107 particles ml-1 

(Figure 40, curve 7). The reason is that the protein layer on the electrode acted as the 

inert electron and mass-transfer blocking layer, and they hindered the diffusion of 

ferrocyanide toward the electrode surface significantly. The impedance data were fitted 

with modified Randle’s equivalent circuit and it indicated good agreement with the 

circuit model (Chen et al., 2008) and the measurement system over the entire 

measurement frequency range. 

In order to study specificity and selectivity of poly(4AMP) modified electrodes against 

Neisseria gonorrhoea it was necessary to get a negative control. Therefore ½ created 

antidigoxin was immobilised onto WE2 and tested against various concentrations and 

any change in impedance was recorded. The Nyquist plot shown in Figure 41 shows the 

change in impedance of the negative control, antidigoxin. The resulting Nyquist plot 

showed that nonspecific interactions are quite low as compared to specific interactions.  

The experiment was repeated for multiple times and the data was analysed through 

calibatrion bar graph showing the standard mean of deviation as given in Figure 42. The 

trend shown in Figure 42 presents sabstantial deviation among repeated experiments. 

It suggests that the thickness and coverage of ploy(4AMP) layer onto the electrode 

varied  considerably among various generated electrdes resulting variable results. 
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Figure 40 Nyquist plots of poly(4AMP)-NG (+)ve modified electrode exposed to 
various concentrations of Neisseria gonorrhoea (+)ve  

 

Figure 41 Nyquist plots of negative control of poly(4AMP) modified electrode 
exposed to various concentrations of NG (+)ve 
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Figure 42 Standard deviation bar graph of poly(4AMP)-NG(+)ve modified 
immunosensor 

The Nyquist plot shown in Figure 43 presents change in electron transfer resistance 

along with the increase of Neisseria gonorrhoea β-lactamase (-)ve antibody 

concentration. The resistance of poly(4AMP)-NG (-)ve based immunosensor gradually 

increased but the sensor crashed after introducing third concentration (103 ml-1). The 

poly(4-amp) based surface recovered and showed increased resistance again for 106 ml-

1 bacterial concentration but decreased after incubating with highier concentration of 

107 ml-1. This is evident that the polymer surface has been collapsed and pinholes may 

have been created onto the surface.  

The apparent immunosensor surface collapse for poly (4-amp) surface could have been 

due to different orientation of binding. Once bacterial particles binds to antibodies 

loaded surface, any change in orientation might result in the disruption of the insulating 

layers of the analyte, allowing charge to flow across the electrode-solution interface. 

This trend was shown with a number of repeat experiments. 

Similarly a negative control for NG(-) based sensor is shown in Figure 44 where 

antidigoxin was immobilised onto WE2 and tested against various concentrations of 

NG(-)ve.  It is evident that the change is resistance is not appreciable and can be 
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neglected which proved that antidigoxin could be used as negative control of NG (-)ve 

immunosensor. 

 

Figure 43 Nyquist plots of poly(4AMP)-NG(+)ve modified electrode exposed to 
various concentrations of Neisseria gonorrhoea (-)ve 

 

Figure 44 Nyquist plots of negative control of poly(4AMP) modified electrode 
exposed to various concentrations of NG (-)ve 
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Figure 45 Standard deviation graph of poly(4AMP)-NG(-)ve modified immunosensor 

As the experiment was repeated multiple times and various batches of sensors were 

constructed and tested against NG (-) ve, a standard deviation bar graph was 

constructed as shown in Figure 45.  

It is apparent that the results varied to greater extent among different sensors which 

proves that poly (4AMP) does not appear to be excellent platform for the 

immobilisation of antibodies for further research work.  

7.4.2 Test of poly (4-amp) based sensors against chlamydia 

Following with the same protocol poly (4-amp) based sensors were constructed for 

chlamydia as well. The impedimetric data was collected by incubating with various 

concentrations of heat killed chlamydia trachomatis. Three sensors were used for each 

experiment and each sensor was interrogated in triplicate for reproducibility. Each 

sensor was then exposed to an increasing antigen concentration and impedance spectra 

were recorded. The process was repeated for the full range of antigen concentrations. 

Subsequent probing of the modified sensors with chlamydia antigen, demonstrated the 

principle of a labelless detection method for chlamydia trachomatis. Initial examination 

of the total impedance of each sensor at various concentrations allowed construction of 
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a calibration curve. Total impedances were recorded across concentration range of 102-

107 ml-1 for the anti-chlamydia loaded poly (4-amp) -coated electrode at 1 Hz and 

Nyquist plot was built as shown in Figure 46.  

The corresponding Nyquist plots of impedance spectra of poly(4AMP)-Chlamydia 

immunosensor shows the semicircle diameter which seems to decrease with the 

antigen concentration. It shows that Rct decreased after incubation with bacterial 

particle and the trend kept following for all the bacterial concentraions. This implies 

that poly (4-amp) surface change its structure with different concentration adding of 

antigen as the antigen was not immobilised on the entire surface and thus do not act as 

a blocking layer. It was also noted that the concentration of antigen was increased at 104 

ml-1, the change of impedance spectroscopy becomes gradually weak, showing that 

immobilisation of the antibody on a gold electrode trends to saturation situation. 

 

Figure 46 Nyquist plot of poly(4AMP)-Chlamydia modified electrode exposed to 
various concentrations of Neisseria  

Similarly a negative control was tested against various Chlamydia concentrations and 

antidigoxin was used as nonspecific antibody. The Nyquist plot of nonspecific antibody 

(antidigoxin) at 1Hz is given in Figure 47. It is apparent that there was decrease in 
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resistance as various concentrations of Chlamydia concentrations were incubated onto 

the negative control.  

 

Figure 47 Nyquist plots of negative control of poly(4AMP) modified electrode 
exposed to various concentrations of Chlamydia 

It is necessary to study the sensitivity and selectivity of an immunosensor thereby a 

number of sensors were developed and tested against various concentrations of analyte 

(Chlamydia) and results were plotted and interrogated in terms of standard mean of 

deviation. The bar graph presented in Figure 48 shows standard deviation of three 

different Chlamydia immunosensors.  

The yellow bar represents nonspecific interactions where antidigoxin was used as 

negative control whereas red bar shows specific analyte where Chlamydia was tested 

against various concentrations of Chlamydia heat killed pathogen. It is apparent that 

poly(4AMP) does not appear to be good platform for immunosensor construction and 

another polymer should be studied for further research work.  
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Figure 48 Standard deviation graph of poly(4AMP)-Chlamydia modified 

 

7.4.3 Calibration curves against increasing antigen concentrations 

Non-specific interactions have the potential to either exaggerate or mask specific 

interactions. Whereas specific binding of antigens will only occur when their antibodies 

is present, electrodes fabricated using a non-specific antibody should undergo the same 

non-specific binding events as those fabricated using specific antibodies. To study and 

eliminate non-specific interactions in poly(4-amp) based sensors,  anti digoxin was 

immobilised on WE1 whereas specific antibody for example chlamydia was deposited 

onto WE2 and exposed to different concentration of antigen to record change in 

resistance. 

Figure 49 shows calibration plots that correspond to the resistance change (∆Rct) at 

similar frequency with different concentrations of the specific and non specific 

antibodies. The curves generated as a result of exposure of particular anti-body and 4-

amp film to increasing concentrations of respective antigen at 1 Hz. The curve displays 

the % impedance response against antigen concentration (bacterial particles/ml), 

normalised against the baseline response (zero antigen). 
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The changes of resistance are normalised following the equation 13: 

∆Rct = Rct (Specific Ab) – Rct (nonspecific Ab)/ Rct (nonspecific Ab) × 100   (13)  

From previous study of immunosensors, it was hypothesised that when analyte was 

recognised, the double layer increased in thickness, causing capacitance to decrease. 

This blocked the flow of the redox species across the double layer, diminishing Warburg 

impedance (Billah et al., 2008). 

 

Figure 49 Rct calibration curve of poly(4AMP) immunosensor comprising normalised 
values 

From Figure 49, it is evident that the Rct observed across the electrode–solution 

interface was higher generally for the chlamydia  based immunosensor compared to the 

NG (-) ve and NG (+) ve based immunosensors. In case of NG (+) ve immunosensor there 

was gradual trend was recorded along with higher concentrations as shown in balck 

line. Whereas there was uneven trend shown in calibration of NG (-)ve shown in red 

where resistance increased gradually with the incubation of concentration ranging from 

102 ml-1 to 104 ml-1 but decreased after introducing concentration of 105 ml-1. The 

system recovers after incubating 106 ml-1 and resistance started to increase but again 

collapsed when higher concentration of 107 ml-1 was introduced. However in the 

calibration curve of chlamydia based immunosensor showed dramatic decrease in the 
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resistance of charge transfer across the surface after the addition of 102 chlamydia 

particles ml-1 and but kept increasing until 107 ml-1. The trend of change in Rct after 

additions of increased bacterial load with all three antibodies have clearly shown that 

poly(4-amp) is not an ideal polymer for the fabrication of immunosensor. 

7.5 Discussion 

The studies of poly (4-amp) based immunosensor presented in this chapter have shown 

that antibodies can be successfully immobilised onto the new conductive polymer 

surface. A set of poly (4-amp) based sensors were prepared to develop immunosensor 

against three types of antibodies. EIS was employed to characterise sensor construction 

and subsequent analyte detection. The response of the impedance biosensor system 

was interpreted by the Randles model equivalent circuit. The equivalent circuit consists 

of ohmic resistance (Rs) of the electrolyte, double layer capacitance (Cdl), charge-

transfer resistance (Rct) and Warburg impedance (Zw) of the electrode. The parallel 

elements are introduced because the total current through the working electrode is the 

sum of distinct contributions from the Faradaic process (if) and double layer charging 

(ic). Since all the current must pass through the uncompensated solution resistance, Rs 

is inserted as a series element in the equivalent circuit. Among these electrical elements 

in the equivalent circuit, Rs and Zw represent bulk properties of the electrolyte solution 

and diffusion of the redox probe, whereas Cdl and Rct depend on the dielectric and 

insulting features at the electrode/electrolyte interface. All these electrical elements are 

affected by the property change occurring at the electrode interface. 

Initially, poly(4-amino methyl pyridine) based sensors were tested against various 

concentrations of Neisseria gonorrhoea β–lactamase (+) ve, Neisseria gonorrhoea β–

lactamase (-) ve and chlamydia trachomatis. The response was interpreted in the form of 

Nyquist plot and the data was fitted into Randles model circuit. 

 Nyquist plot data of NG (+) and (-) ve showed the poly (4-amp) coated gold sensor 

impedance was reduced with the addition of analyte until certain concentration but 

increased afterwards. This is attributed to increase in thickness of double layer which 

resulted in increase of resistance and consequently capacitance decreased.  The trend of 
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change in impedance has shown that the polymeric layer was disrupted with the 

addition of higher concentration of NG (+) ve and (-) ve pathogens. In the case of NG (-) 

ve there was gradual increase in resistance in agreement of increase of double layer 

thickness but the sensor collapsed and the charge transfer resistance decreased after 

105 ml-1. The sensor showed signs of recovery with the higher concentration of 106 ml-1 

before collapsing again at 107 ml-1. The disruption of the polymer layer by bacterial 

particles was consistent in repeat experiments of different sets of sensors interrogated 

by similar way through EIS. 

However, this does not apply to data obtained from study of chlamydia as an analyte. It 

was evident from Nyquist plot of poly (4-amp) based chlamydia sensors that the 

immobilised antibodies did not insulate the electrode properly. Here, the sensing 

surface was perturbed after the introduction of analyte, causing a reduction in the 

charge transfer resistance at the electrode-solution interface. It appeared that the 

incubation of chlamydia particles onto the sensor surface disturbed the surface and 

might have caused “pinholes” into polymer layer. These “pinholes” permitted the 

current flow resulting in the increase of capacitance. 

In light of the data obtained, it was suggested that the sensing platform of poly (4-amp) 

is not robust for analyte detection. Therefore it was decided that new surface 

chemistries and constructions would be investigated to immobilise the antibody against 

other conducting surfaces. Therefore, polyaniline, polypyrrole and polytyramine 

surfaces on the same screen printed gold electrodes were considered as possible 

surface layers for the immobilisation of antibodies. 
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CHAPTER 8 POLYANILINES BASED IMMUNOSENSORS 

8.1 Introduction 

Polyaniline (PANI), a conducting polymer of semi-flexible polymer family, was 

discovered over about 150 years ago. Among organic conducting polymers, polyaniline 

is regarded as one of the most promising conductive polymers due to its ease of 

synthesis, low cost, versatile processability and relatively stable electrical conductivity 

(Dhand et al., 2011). 

Among the most promising applications of polyaniline is electrochemical biosensing, as 

it can act as a suitable matrix for the immobilisation of biomolecules. Polyaniline is 

compatible with biological molecules in neutral aqueous solutions. Moreover, based on 

its excellent conductivity and electroactivity, polyaniline can act as a mediator for 

enzyme electrodes, where polyaniline undergoes redox cycling and can couple electrons 

from the enzyme active centre to the electrode surface. Another advantage for the 

application of polyaniline in electrochemical biosensing is that polyaniline can be 

electrochemically synthesised directly on the electrode from aniline monomer, through 

galvanostatic, potentiostatic or potentiodynamic means. The preparation of polyaniline 

modified electrodes with the electropolymerisation method offers the potential to 

incorporate a wide range of dopants into the formed polyaniline film and gives good 

control over the film thickness (Luo et al., 2007). 

After studying poly(4-amp) as a sensing layer for the immobilisation of antibodies it 

was necessary to generate another robust conductive layer for the successful 

immobilisation of targeted antibodies and get high impedance signals which could be 

reproduced easily. Bearing in mind all these facts, polyaniline was chosen as a 

conductive ink onto gold plated electrode surface. To achieve the desired results it is 

necessary to get a uniform layer onto the electrode surface which could be achieved 

through either electrodeposition or ink printing. 
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8.2 Polymerisation of aniline 

8.2.1 Chemical polymerisation  

Polyaniline can be prepared chemically or electrochemically by oxidative 

polymerisation. Chemical synthesis of aniline produces powdered polyaniline, while 

electrochemical synthesis can be used to generate thin films on a conductive substrate. 

Chemical oxidative polymerisation of aniline was carried out in a conventional aqueous 

solution and in micellar solutions of sodium dodecyl sulphate (SDS, anionic surfactant) 

(Kim et al., 2000) and dodecylbenzene sulphonic acid (DBSA, anionic surfactant) (Han et 

al., 2009) with APS as initiator as described in literature. Each synthesis will be 

discussed briefly along with conditions and resulting polymer suspension was 

characterised through FT-IR and SEM. The polymerisation reaction is given in Figure 50.  

 

Figure 50 Polymerisation of aniline 

8.2.1.1  Synthesis through micelle polymerisation 

0.1M HCl solution was prepared by adding 4.098ml of 35% HCl in 500ml of distilled 

water and was used as an aqueous solution in micellar solution. 0.03M solution of 

aniline (ANI) was prepared by dissolving 0.68ml of aniline into 250 ml of distilled water. 

Aqueous micellar dispersion was prepared by introducing 50 ml of aniline solution in 

50 ml of 0.2M SDS solution in distilled water. 1M ammonium peroxydisulphate 

((NH4)2S2O8) in 0.1M HCl solution was used as an oxidant (initiator) and added into the 

mixture at a rate of 1.0 mL/min. The polymerisation was performed at 20 °C with the 

mechanical stirring at 500 rpm in a two-neck round bottomed flask mounted in a 

thermostat for 12 hours. The colour of the polymerisation solution changed as 

polymerisation proceeds. In the initial stage, aniline/SDS/APS solution was colourless 
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with high transparency. As the polymerisation proceeded, the colour of the solution 

changed to white through yellow, brown and finally to green, which indicates the 

formation of polyaniline emeraldine salt (ES). An excess amount of methanol was added 

into the HCl-doped polyaniline dispersion to precipitate polyaniline powder by breaking 

the hydrophilic-lyphophilic balance of the system and to stop the reaction. The 

precipitates were collected in a glass filter and washed two times each with methanol, 

acetone, and pure water to remove unreacted chemicals, aniline monomers and SDS. 

Then, the polyaniline particles were dried in the desiccator under the vacuum for 72 

hours at room temperature. 

The morphologies of polyaniline particles formed in micelles aqueous solution were 

studied with field emission scanning electron microscopy. The particles synthesised 

appear to be spherical but coagulation is apparent in Figure 51. The SEM images of 

polyaniline nanoparticles were captured after sputtering with gold for 10 s. The 

photographs were obtained at 20 kV and at a working distance 1 µm and 10 µm. 

 

Figure 51 SEM images of polyaniline particles with micelle polymerisation 

Polyaniline particles prepared through micelle polymerisation were found to be 

spherical and tend to coagulate very easily. The particles were suspended into 1% 

tween solution but they found to be very fine and coagulated to some extent. The 

smallest particles were found in the range of 35-40nm.  
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8.2.1.2 Synthesis through reverse micelle polymerisation  

ANI (0.025 mol) was added into the micellar solution containing DBSA (0.0375 mol) 

dissolved in toluene (200 mL). The solution was mixed and sonicated at 50W for 10 min 

to make a homogeneous solution. As polymerisation of ANI is exothermic, the reaction 

mixture was kept in a cooling bath with magnetic stirring at 0 °C. APS (0.01mol) in 

distilled water (10 mL) was added dropwise into the micellar solution (200mL) for 

approximately 20–30 min. After an induction period of about 50–70 min (including 

time of APS addition), the whitish reaction mixture turned bluish and the colour became 

more pronounced as the polymerisation proceeded. The polymerisation was carried out 

for 2 hour at 0 °C under moderate stirring. Finally, a dark green PANI dispersion was 

obtained. 

After polymerisation, methanol (50 mL) was poured into the solution. In a few minutes, 

the solution separated into a green upper solution and transparent reddish lower 

solution. In the upper solution, PANI–DBSA in the form of emeraldine salt was 

dispersed in toluene, and unreacted DBSA, APS, and by products ((NH4)2SO4, etc.) were 

dissolved in the lower aqueous phase. 

The SEM images shown in Figure 52 present that most of the particles size ranges under 

100nm. These pictures have been captured at a working distance of 1 and 5µm and 20 

kV through a SEM microscope. A small drop of the resulting dispersion was casted onto 

glass slide, dried in air and covered with slip. 

 

Figure 52 SEM pictures of polyaniline in reverse micelle polymerisation 



 

111 

 

The polyaniline particles prepared through reverse micelle polymerisation were found 

to be spherical of varying sizes due to adhesion of fine particles resulted into larger 

particles.  

8.2.1.3 Synthesis of polyaniline fibres 

Polyaniline nanofibres were prepared by interfacial polymerisation5 or simply by 

rapidly mixing an aqueous solution of aniline and an oxidant, instead of slow addition of 

one reactant to the other. The stock solution of 0.3M solution of aniline was prepared in 

1M HCl. 0.18 g of ammonium persulphate (APS) dissolved in 10 mL of 1 M HCl solution 

was used an oxidant. 

Four different methods were employed for the synthesis of nanofibres based on 

reaction conditions applied to the polymerisation. 

Method A: 10 mL of ammonium peroxydisulphate solution was added dropwise into 10 

mL aniline solution at 5 mL/h while stirring at 1100 rpm. An ordinary magnetic stirrer 

bar was used to agitate the reaction mixture at 1100 rpm. 

Method B: 10 mL ammonium peroxydisulphate solution was added dropwise into 10 

mL aniline solution without stirring. 

Method C: The two reactant solutions 10 mL each were mixed rapidly with vigorous 

shaking for 30 s and then left standing for 2 hours. 

Method D: The two reactant solutions 10 mL each were mixed rapidly and stirred at 

1100 rpm for 2 hours. 

All the mixtures were left still or stirred with an ordinary magnetic stirrer at different 

speeds for 2 hours. Small drop of the resulting dispersion was casted on a silicon wafer, 

dried in air and coated with gold for SEM imaging. 

Figure 53 shows scanning electron microscope (SEM) images of polyaniline nanofibres 

synthesised via the conventional method. Figure 53A shows that nanofibres were 

obtained in which the oxidant solution was added drop wise into the aniline solutions.  
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The product settled out quickly from the reaction solution, and film casted from its 

suspension was rough and discontinuous. It was found that the slow-addition 

polymerisation process with out stirring resulted into the product smooth nanofibres as 

shown in Figure 53B and 53C. However, when intense stirring was kept up during the 

entire polymerisation process, the fibres obtained found to be highly aggregated as 

shown in Figure 53D. 

8.2.2 Electropolymerisation of polyaniline 

Uniform deposition of the polymer on a suitable sensor surface has been another major 

challenge in biosensor fabrication. Electrochemical deposition of 1 M aniline in 0.5 M 

KCl and1 M HCl was performed sequentially cycling the working electrode potential 

 

Figure 53 SEM pictures of polyaniline nanofibres 
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from 0 V to 1 V (vs. Ag/AgCl) and back to the starting potential at a scan rate of 50mVs−1. 

Electrochemical deposition of the polymer films was performed by cyclic voltammetry 

(CV). 

The potential sweep was started from the lower potential limit (cathodic limit) towards 

anodic direction and back. The recorded voltammograms showed a single well-defined 

anodic peak and one corresponding cathodic peak. The polymer oxidation and 

reduction peaks showed an increase in current with successive cycles indicating the 

deposition of increasing amounts of electroactive polymer. 

10mM solution of aniline was prepared in 0.5M KCl and 1 M HCl for electrodeposition of 

polyaniline. A starting potential of   1 V, cycling back to 0 V was applied to the gold 

working electrode using CV. The CV was carried out for 20 scans. The resulting cyclic 

voltammogram vs. Ag/AgCl reference electrode after each cycle is shown in Figure 54. 

The voltammogram showed two main oxidation peaks around 0.2 and 0.87V. 

 

Figure 54 Cyclic voltammogram of polyaniline in 1M HCl 
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These peaks show the transformation of leucomeraldine base (LB) to emeraldine salt 

(ES) and ES to pernigraniline salt (PS), respectively. On the reverse scan, one reduction 

peak was observed at 0.52 V indicating the deposition of polyaniline film onto electrode 

surface. It was also found that the current responses increased on subsequent scans 

indicating that the nanoparticles aggregated/assembled on the gold electrode surface.  

The peak potentials also began to shift after a number of cycles. This may be as the 

result of film deposition which became thicker along with each scan. The increase in 

thickness of film increases the resistance of the electrode. 

8.3 Characterisation of polyaniline 

8.3.1 FTIR analysis 

FT-IR spectra of PANI samples doped with HCl acid is shown in Figure 55. In the 

spectrum, a band observed at 3239cm-1 corrospond to then N-H stretching mode of 

secondary amine (Wasu and Raut 2014).  

 

Figure 55 FT-IR spectrum of polyaniline 
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The absorption peak is also observed at 1630 cm-1 and it is attributed to C=C stretching 

in aromatic nuclei. A peak at 1563cm−1 is due to the quinonoid structure of PANI. 

Another one sharp peak at 1466cm−1 is corresponding to the benzenoid structure of 

PANI. The absorption band shown at 1307 cm-1 is due to aromatic amine (Arasia et al., 

2009). The absorption bands appeared at 1102 and 1055 cm-1 reveals C-H bending 

vibrations. The same finding has been reported elsewhere (Vivekanandan et al., 2011). 

8.3.2 SEM analysis of polyaniline modified sensor 

The morphologies and microstructures of different electrode surfaces were 

characterised by the SEM observation. Figure 56A shows surface of bare gold electrode 

which has rough appearance and fissures at certain places.  

 

Figure 56 SEM analysis of polyaniline film film onto a) bare electrode b) polyaniline 
electrodeposited and c)polyaniline drop casted 

Once polyaniline was electrodeposited a slightly thick film covered the bare gold 

electrode surface and smoothen it as shown in Figure 56B. The Figure 56C shows a thin 

polyaniline layer formation onto the electrode surface. Here polyaniline suspension was 

deposited onto the electrode through drop casting. It is apparent that polymer layer is 

thin and successfully adsorbed onto the surface as the size of cervices has reduced as 

compared to the bare electrode. 
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8.4 Impedance studies of polyaniline 

Electrical impedance spectroscopy was used as an analyser to plot the electrode 

impedance over the applied frequency range. Generally, the impedance component is 

used to illustrate the equivalent resistance and the capacitance changes in the solid 

liquid interfacial phenomena. EIS measurement can be carried out in the solutions 

where the potential of the structure increases due to different concentration ratios. This 

approach can be recognised as a heterogeneous electron transfer reaction of the 

solution which can be evaluated using the electrical double layer structure. In order to 

obtain the faradic impedances of polyaniline based sensors, the Randels cell model of 

equivalent circuit was used to describe the process at the electrochemical interface. 

8.4.1 Impedance studies of different forms of polyaniline modified 

electrode 

Different forms of polyaniline chemically polymerised through oxidative polymerisation 

were casted on electrodes and were characterised by electrochemical impedance 

spectroscopy. Figure 57 depicts typical Nyquist plots (-Z’ versus Z”) of different types of 

polyaniline coated gold electron in an electrolyte solution of 10 mM 

K3[Fe(CN)6]/K4[Fe(CN)6].  

The Nyquist curves obtained demonstrated that the Z’ (real) component of the 

impedance increases steadily with decreasing frequency whereas the Z˝ (imaginary) 

component increases to a maximum value (at frequencies in the range 5–10 Hz) but 

falls as the frequency approaches 1 Hz. This type of impedance spectrum is indicative of 

a surface-modified electrode system where the electron transfer is slow and the 

impedance is controlled by the interfacial electron transfer. 

The Nyquist curves for all four forms of polyaniline comprises a depressed semicircle at 

high frequencies, which can be related to the combination of charge transfer resistance 

of polyaniline and the double-layer capacitance, followed by a straight line with a slope 

of nearly 45°. The straight line is due to the occurrence of mass transport process via 
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diffusion. Nyquist plot of all types of polyaniline particles suggested that polyaniline 

nanoparticles shown in black line are most conductive among all. 

 

Figure 57 Nyquist plots (-Z’ versus Z”) of the various forms of polyaniline modified 
electrodes 

Sensors were fabricated by electropolymerisation of polyaniline on the screen-printed 

gold electrodes, to produce a smooth conductive substrate. Polyclonal antibodies of 

Neisseria gonorrhoea β-lactamase (+) ve and Neisseria gonorrhoea β-lactamase (-) ve and 

chlamydia were subsequently incorporated onto the polyaniline layer using a SMCC 

system for site-specific immobilisation. The sensors were then probed with varying 

concentrations of respective antigens (Neisseria gonorrhoea and Chlamydia trachomatis) 

and the impedimetric response at each concentration was recorded. Each sensor results 

will be discussed individually in the following section. 

8.4.2 Test of polyaniline based sensors against Neisseria gonorrhoea 

Initially, polyaniline based sensors based experiments were conducted on Neisseria 

gonorrhoea β-lactamase (+) ve and Neisseria gonorrhoea β-lactamase (-) ve individually. 

The modified electrodes were prepared by electrodepositing polyaniline in 0.5M KCl 

and 1M HCl for 20 scans.  Once prepared, the conductive surface of these electrodes was 
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activated by incubating them with 4mg.ml-1 SMCC for 1 hour. After incubation is 

completed, relevant half generated antibodies were added and incubated for another 2 

hours. The fully formed immunosensors were then exposed to increasing 

concentrations of bacteria, for 10 min duration for each dilution. The electrode was 

rinsed, dried in argon and the impedance studies were carried out after each bacterial 

addition. The impedance data across the interface was obtained by immersing the 

electrode in the mediator Fe(CN)63-/4-, at an applied potential of 0.4 V and frequency 

range 0.1 Hz to 10,000 Hz. 

Data shown in Figure 58 are derived from Neisseria gonorrhoea β-lactamase (+) ve in the 

form of Nyquist plots modelled to a modified Randles equivalent circuit. Direct 

measurements of the total impedance involve the resistance of the solution, Rs and the 

double-layer capacitance Cdl. Furthermore, the interpretation of the impedance spectra 

due to the chemical reaction is symbolised by charge transfer resistance Rct and 

Warburg impedance Zw. The Nyquist plot for NG(+)ve suggested that charge transfer 

resistance decreased along with the increasing concentrations. 

As antigen-antibody immobilisation occurs on the sensor surface, the electrical double-

layer capacitance changes while altering the measure impedance. The charges passing 

through the solution experience the resistance of the solution and the double layer 

capacitance due to the immobilisation. The charge transfer resistance of NG(+)ve 

immunosensor implies that the charged particles leaked through the double layer due 

to the electrochemical reactions on the sensor surface.  

The negative control of PANI-NG(+)ve was studied through immobilisation of 

antidigoxin as a nonspecific analyte. The negative control was tested against various 

concentrations of NG(+)ve and the resulting Nyquist plot is shown in Figure 59. The 

change in resistance after incubating various bacterial concentrations of NG (+)ve was 

recorded and the data was plotted in the form of Nyquist plot. The negative control 

showed a slight increase in Rct across the electrical interface upon increasing 

concentration of bacterial binding, but not to the same extent as specific analyte binding. 

The experiment was repeated number of times to study the potential of 

reproduacability of PANI based immunsensors and the resulting data was used to form 

a calibration graph with error bars presenting standard mean of deviation. 
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Figure 58 Nyquist plots of a polyaniline-NG(+)ve  modified electrode exposed to 
various concentrations of Neisseria gonorrhoea (+)ve 

 

 

Figure 59 Nyquist plots of negative control of PANI modified electrode exposed to 
various concentrations of NG(+)ve 
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The bar graph presented in Figure 60 shows standard deviation for number of sensors. 

The reproducability of PANI based sensor seems high as compared to poly(4AMP) 

based sensors. 

 

Figure 60 Standard deviation graph of PANI-NG(+)ve modified immunosensor 

Once NG (+)ve immunosensors were interrogated Neisseria gonorrhoea β-lactamase (-) 

ve were tested against NG (-)ve bacterial concentrations and the resulting Nyquist plot 

is shown in Figure 61. Similarly the Nyquist plot of the negative control of PANI-NG(-)ve 

immunosensor is presented in Figure 62.  

The semicircle diameter in Nyquist plots shown in graph in Figure 61 seems to decrease 

with the increase of the antigen concentration implying that there might be very low 

number of antibodies immobilised onto polyaniline modified surface.  It is apparent that 

as there might be low number of immobilised antibodies therefore antibodies did not 

coverthe entire surface hence they do not act as a blocking layer and passivated the 

surface completey. The impedance pattern is evident that there might be pinholes 
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through out the surface and the current was passed through them and increased the 

conductance of the sensor.  

 

Figure 61 Nyquist plots of a polyaniline-NG(-)ve modified electrode exposed to 
various concentrations of Neisseria gonorrhoea (-)ve  

  

Figure 62 Nyquist plots of negative control of PANI modified electrodes exposed to 
various concentrations of NG (-)ve  

When the concentration of antigen was increased over 105 ml-1 the change in 

impedance became gradually weak as apparent, showing that the gold electrode surface 
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trends to saturation situation. The trend followed the same pattern as Neisseria 

gonorrhoea β-lactamase (+) ve and in both cases the saturation was attained at 104 ml-1. 

A number of sensors were fabricated and tested against various concentrations and 

repeated experimental data was used to construct bar graph to study the standard 

mean of deviation as given in Figure 63. The yellow bar represents nonspecific whereas 

the red bar represents specific interaction of NG (-)ve pathogen.  

 

Figure 63 Standard deviation graph of PANI-NG(+)ve modified immunosensor    

It was found that nonspecific interactions were low whereas there was appreciable 

change in case of specific binding. The reproduability of PANI based immunosensors 

was found to be very high.  

8.4.3 Test of polyaniline based sensors against chlamydia 

After construction of functional immunosensors for Neisseria gonorrhoea, another set of 

polyaniline modified electrodes were tested against Chlamydia trachomatis. The 

chlamydia based polyaniline sensors were tested against increasing concentrations of 

chlamydia in PBS. Each concentration was incubated on the electrode surface for 10 min, 

rinsed in dH2O and dried under argon prior to interrogation by EIS. The concentration 

of chlamydia applied ranged from 102 to 108 particles ml-1 and data was collected using 
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the redox mediator Fe(CN6)3−/4− at a voltage of 0.4 V. Figure 64 shows data from analyte 

capture using the polyaniline based immunosensing surface in the form of Nyquist plot. 

The negative control of PANI based Chlamydia immunosensors is given in Figure 65.  

 

Figure 64 Nyquist plots of a polyaniline-NG(-)ve modified electrode exposed to 
various concentrations of Chlamydia 

 

Figure 65 Nyquist plots of negative control of PANI modified electrodes exposed to 
various concentrations of Chlamydia 
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There was appreciable change in resistance for nonspecific binding although it is low in 

intensity as compared to specific binding.   

It was observed that resistance decreased steadily after binding of 102 chlamydia 

particles ml-1 and kept decreasing until concentration of 104 ml-1. After the addition of 

concentration 105 ml-1 resistance increased106 ml-1 but again decreased on addition of 

the higher concentration of 108 ml-1. 

The apparent immunosensor surface collapse for polyaniline surface could have been 

due to the random distribution of the bacteria and antibody. It again supported the 

concept that antibodies and bacterial particles were unable to cover the sensor surface 

completely therefore the current could flow through the spaces and resistance 

decreased. This would also result in the antigen disrupting the polymeric layers once 

again allowing charge to flow across the electrode-solution interface.  

 

Figure 66 Standard deviation graph of PANI-Chlamydia modified immunosensor 

This trend was shown with a number of repeat experiments. The standard deviation for 

both specific and nonspecific binding of number of sensors is given in the form of bar 

graph presented in the Figure 66.  
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8.4.4 Calibration curves against increasing antigen concentration 

Upon exposure to a range of concentrations of antigen, complex plane impedance 

analyses were used to the possible charge transfer at the surface, with respect to the 

related mechanisms between the antibody and the polymer. These effects were 

subsequently monitored to assess the impedance of the polymer thereby determining 

the amount of bound antigen at the sensor surface. 

The total impedance of the system increased along with the increasing antigen 

concentration from the 102 up to 107 ml-1. The percentage impedance changed from the 

baseline at 1Hz used to form the basis of a calibration profile for differentiation of 

various concentrations of bacterial concentration applied to antibody-polyaniline films 

on screen printed gold electrodes. Calibration profiles for all three sample antibodies 

with control (anti-digoxin) sensors were constructed. Figure 67 shows the Faradaic 

calibration profile obtained at 1 Hz.  

 

Figure 67 Rct calibration curve of poly(4AMP) immunosensor comprising normalised 
values 

The curves generated as a result of exposure of antibodies immobilised onto PANI 

modified electrodes to increasing concentrations of relevant antigens, Neisseria 

gonorrhoea β-lactamase (+) ve. Neisseria gonorrhoea β-lactamase (-) ve and Chlamydia 
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trachomatis at selected frequency. The curve displays the % impedance response 

against antigen concentration (bacterial particles/ml), normalised against the baseline 

response (zero antigen). The frequency (1 Hz) was chosen because of the greatest 

impedance response which increased along with each concentration. The mean 

impedance value at each concentration (Z”) was normalised against the mean 

impedance value at zero antigen concentration, i.e. Z/Z0 and expressed as the 

percentage impedance response with respect to the baseline trace. The calibration 

curve indicated that there was linear increase in impedance for Neisseria gonorrhoea β-

lactamase (+) ve shown in black line and Neisseria gonorrhoea β-lactamase (-) ve shown 

in red line and chlamydia trachomatis shown in blue line, at the concentration range 

(102–107 ml-1). 

The gradual increase in response along with concentration for all three types of 

antibodies depicts that there non-specific interaction is minimal. As anti-digoxin has 

shown limited interaction with tested analytes therefore anti-digoxin was kept as 

nonspecific control for further experiments. 

8.5 Summary 

Biosensors based on polyaniline were prepared and tested against various 

concentrations of Neisseria gonorrhoea and chlamydia  antibodies. The aim of this 

research work was to study the potential of polyaniline as conductive layer for the 

immobilisation of antibodies. EIS was employed to characterise sensor construction and 

subsequent analyte detection. 

In the biosensor, the conductive layer with excess amino groups provides robust 

platform for immobilisation of antibodies. In the present study polyaniline was 

considered as possible immobisation conductive layer to form biosensors against 

Neisseria gonorrhoea and Chlamydia trachomatis. Polyaniline modified electrodes were 

incubated with sulpho-SMCC for the surface modification followed by Neisseria 

gonorrhoea β-lactamase (+) ve, Neisseria gonorrhoea β-lactamase (-)ve and Chlamydia 

trachomatis antibodies. All prepared electrodes were interrogetd with EIS and Nyquist 

plots were used for the comparison and interpretation of data.  



 

127 

 

The Nyquist plot for Neisseria gonorrhoea β-lactamase (+) ve, Neisseria gonorrhoea β-

lactamase (-)ve and Chlamydia trachomatis showed that charge transfer resistance (Rct) 

across polyaniline modified electrode reduced after addition of concentration and kept 

decreasing with subsequent addition of concentrations for all three analytes. The 

decrease in Rct can be justified by the formation of ‘pinholes’ through which current 

flowed, consistent with data observed for all analytes. The formation of polyaniline 

layer onto the gold electrode surface passivated the surface, but Rct was again reduced 

after bacterial capture. It was thought that it was because of bacterial incubation which 

disrupted the polymer layer and increased the capacitance of a biosensor because of 

current flow. This disruption of the polymer surface by bacterial analyte was consistent 

with the data seen with other bacterial sensors and therefore it is suggested that this 

sensing platform is not suitable for targeted analyte detection. 

The studies carried out on polyaniline based electrodes showed that polyaniline was 

not suitable as immobilising platform for antibodeis. Therefore new conductive 

polymers would be investigated to successfully immobilise theses antibodies.  

Keeping in view the surface chemistry of conductive layer poly (3-aminopropyl) pyrrole 

was considered as a new potentially suitable polymer. Poly (3-aminopropyl) pyrrole has 

free amino groups which are available that could bind with antibodies. There is an alkyl 

chain in the polymer structure which can also provide better orientation of antibodies.  
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CHAPTER 9 POLY (3-AMINO PROPYL PYRROLE) BASED 

IMMUNOSENSORS 

9.1 Introduction 

Conducting polymers have been previously utilised as electrode materials in biosensing 

applications. Electrons can readily transfer between the conducting polymers and 

biomolecules, such as hydrogen peroxide (H2O2) and glucose, during a redox process, 

producing a detectable electrocatalytic response which can be monitored by simple 

electrochemical methods such as cyclic voltammetry (CV) and amperometry (Weng et 

al., 2014). 

Polypyrrole (PPy) was amongst the first reported conducting polymers to be utilised in 

biosensing. Conducting polymers including polypyrrole and its derivatives have been 

the major sources of electrochemically generated enzymatic electrodes. Wollenberger 

electrodeposited PPy with horseradish peroxidase (HRP) onto pyrographite or 

platinum electrodes for mediatorless hydrogen peroxide detection (Wollenberger et al., 

1990).  Since then, a series of conducting polymer biosensors have been studied for the 

detection of various biomolecules, including glucose, lactate and cholesterol (Retama et 

al., 2004; Chaubey et al., 2002). 

Although electrochemically fabricated conducting polymer/enzyme biosensors have 

been extensively studied, these fabrication methods are still limited to a laboratory 

scale and are not suitable for mass production. For biomedical applications modification 

with biological moieties is desired to enhance the specific covalent attachment of 

proteins, peptides, and enzymes (Hegewald et al., 2009). Successful immobilisation of 

antibodies onto a conductive polymer modified electrode is the main target. Another 

goal from future perspective is to chemically synthesise these polymers so that the 

polymeric suspension could be utilised for ink formulation and printing diagnostic 

sensors. In previous studies (Rajesh et al., 2004) efforts are being made to stop the 

desorption of enzyme to a maximum extent from immobilisation materials to obtain an 

increased stability of the enzyme electrode. It has been shown that this could only be 
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achieved if there would be a strong and an efficient bonding between the enzyme and 

the immobilising material. 

Although pyrrole and its substituted compounds produces conductive polymers and do 

not require acid during polymerisation however commercial pyrroles with free amino 

groups are not generally available or they usually are very expensive. Therefore amine-

based conducting N-(3-Amino propyl) pyrrole was synthesised in the laboratory. Efforts 

were made to polymerise N-(3-Amino propyl) pyrrole through electrochemical and 

chemical polymerisation. The polymer produced through electrodeposition and 

oxidative polymerisation was characterised through SEM, western blotting imaging and 

FTIR. The blotting images and FTIR showed that there were plenty of amino groups 

which could be utilised to immobilise particular antibodies. Therefore poly-(3-

aminopropyl pyrrole) was considered as prospective polymer for immobilisation of 

Neisseria gonorrhoea and Chlamydia trachomatis antibodies.  

9.2 Polymerisation of 3-aminopropyl pyrrole 

9.2.1 Synthesis of N-(3-amino propyl) pyrrole 

As chemical oxidation is more amendable to larger scale production as the polymer can 

be dissolved/dispersed in suitable solvents and processed by multiple techniques (wet-

spinning, spin coating, printing etc.). Also the physical properties of chemically 

prepared PPy, such as particle size and morphology (Lo, 2006) can be controlled by 

optimising the synthesis conditions (Weng et al., 2011). 

 It has been shown in previous studies that chemically synthesised polypyrroles are not 

as highly conductive as the electrochemically prepared material (Weng et al., 2014). 

Therefore efforts have been made to synthesise substituted pyrrole which could be 

chemically polymerise and could generate a conductive layer for biosensing 

experiments.  N-(3-Amino propyl) pyrrole (3-APPy) was synthesised by the reduction of 

N-(2-cyanoethyl) pyrrole according to procedure described in literature (Massoumi et 

al., 2012; Hegewald et al., 2009).  
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A solution of 1-cyanoethyl pyrrole (0.041 mol) in anhydrous ether was added into a 

suspension of LiAlH4 (0.1 mol) in anhydrous ether (300 ml) and the mixture was 

refluxed for 20 hours. After cooling, the excess hydride was destroyed by the successive 

addition of water (3.4 ml), a solution of 15% NaOH (3.4 ml) and water (10.2 ml). The 

solution was heated to 40 °C for 2 hours and was filtered before evaporating to dryness. 

Yellow oil was obtained as a final product with a yield of about 80%. A schematic 

presentation is given in Figure 68. 

 

Figure 68 Synthesis of N-(3-Amino propyl) pyrrole 

NMR of N-(3-aminopropyl) pyrrole was recorded H NMR δ (CDCl3): 1.94 (m, 2H, CH2-2); 

2.71 (t, 2H, CH2-3); 3.97 (t, 2H, CH2-1); 6.18 (d, 2H, CH-β); 6.70 (2H, CH-α) which is in 

accordance to values given in the literature (Rajesh et al., 2005). 

9.2.2 Chemical polymerisation of N-(3-Amino propyl) pyrrole 

N-(3-Amino propyl) pyrrole was polymerised through chemical oxidation where 

ammonium per sulphate (APS) was used as an oxidant. Two different type of polymers 

were syntthesised through oxidative chemical polymerisation. The first polymer 

synthesised was a copolymer of 3APPy and pyrrole whereas the second polymer 

synthesised was homopolymer of 3APPY. The co-polymerisation of N-(3-Amino propyl) 

pyrrole with pyrrole has already been reported in the literature (Massoumi et al., 2012) 

but the homopolymerisation of N-(3-Amino propyl) pyrrole has never been reported 

before. 
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9.2.2.1 Copoylmerisation of N-(3-Amino propyl) pyrrole 

A copolymer of pyrrole and N-(3-Amino propyl) pyrrole was synthesised through 

chemical polymerisation. Equimolar solutions (0.5 M each) of N-(3-Amino propyl) 

pyrrole and pyrrole were prepared in 1M p-toluene sulphonic acid sodium salt (Na-

pTSA). 1M APS was added into the reaction mixture with continuous stirring. As the 

polymerisation started a light brown colouration appreared which turned into dark 

brown precipitates as the polymerisation continued. The precipitates were filtered and 

characterised through SEM and midland blotting. The polymerisation reaction is given 

in Figure 69.  

 

Figure 69 Schematic presentation of copolymerisation of pyrrole and N-(3-Amino 
propyl) pyrrole 

The 3APPy copolymer suspension was diluted further with 1% triton solution to 

prevent coagulation and characterised through SEM shown in Figure 70.  

 

Figure 70 SEM picture of 3-Amino propyl pyrrole co-polymer at 1500 and 5000 
magnifications  
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The copolymer particles appeared to be very small in size which coagulated very easily. 

The higher magnification of 5000 revealed small spherical particles clearly visible 

among larger particles which is evident that the copolymer consists of tiny particles 

which coagulated to form larger particle.  

9.2.2.2 Homopolymerisation of N-(3-Amino propyl) pyrrole 

The polymerisation of N-(3-Amino propyl) pyrrole was carried out at room temperature 

by mixing 20 mL of 1M solution of N-(3-aminopropyl) pyrrole into 10mL of 1 M p-

toluene sulphonic acid sodium salt (Na-pTSA) solution. After thorough mixing, 2mL of 1 

M APS solution was added into the solution dropwise. Soon after adding oxidant 

solution, dark green precipitates (ppt) were formed which were washed with water 

many times, filtered and dried. The schematic presentation of oxidative polymerisation 

is given in Figure 71. 

 

Figure 71 Schematic presentation of polymerisation of 3-APPy 

In-situ polymerisation was carried out to study the deposition and adhesion of poly (3-

APPy) onto gold surface. The in-situ polymerisation was performed by placing 50µL of 

1M 3APPY in Na-pTSA onto the working electrode and equal volume of oxidant i.e. 50µL 

of 1M APS was added into the monomer solution. Soon after the addition of oxidant very 

dark brown precipitates were formed instantly. After allowing the polymerisation to 

proceed for one minute, the sensors were washed and observed under the optical 

microscope. 
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Poly (3-APPy) showed very good adherence to gold surface and a thin film was 

observed over the gold surface. On the higher resolution poly (3-APPy) seemed to 

penetrate deeply into the pores as apparent from Figure 72.  

 

Figure 72 In-situ polymerisation of 3APPy onto drop sensor 

The polymeric suspension of 3APPy were characterised through SEM as shown in 

Figure 73. Poly (3APPy) in Figure 73 (A) appeared as round particles and tends to 

coagulate very easily. If the particles are studied more closely at higher resolution of 

10,000 at a working distance of 1µm as shown in 73 (B), small nano particles are clearly 

visible and they appear to coagulate to form larger particles of varying sizes.  

 

Figure 73 SEM pictures of poly (3-amino propyl) pyrrole at (A) 5,000 and (B) 10,000 
magnifications 

A chemiluminescence based technique, Midland blotting was carried out on both types 

of polymers to interrogate the number of free available –NH2 groups. Both 
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homopolymer and copolymer based sensors were prepared through electrodeposition 

and imaged through G:BOX Gel imaging system as shown in Figure 74.  

 

Figure 74 Chemiluminescence analysis of (A) Homopolymer of 3APPy and (B) 
Copolymer of 3APPy 

3APPy homopolymer labelled as (A) showed very high intensity of light which depicts 

that 3APPy homopolmer has high number of amino groups which are distributed evenly 

onto the surface. Whereas the copolymer of 3APPy labelled as (B) showed very weak 

signal wth low intensity of light. There was uneven distribution of light intensity onto 

electrode surface which shows that very few –NH2 groups are available and are mostly 

located at the edges of electrode.  

9.2.3 Electropolymersation of N-(3-Amino propyl) pyrrole 

Once 3-APPy was successfully polymerised through oxidative chemical polymerisation 

it was also electropolymerised through cyclic voltammetry. The electrodeposition of 

poly (3-APPy) onto gold sensors was carried out in 1M solution of 3-APPY in 1M sodium 

salt of p-toluene sulphonic acid (Na+-TSA). The potential range for the 

electroploymerisation was kept -0.2V to +0.8V at a scan rate of 50mVs-1. The resulting 

voltammogram is shown in Figure 75. The electrodeposition of 3APPy was carried out 

for 10 scans. Once 10 scans were finished, a thin and smooth film of polymer was 

apparent which covered evenly the electrode surface. 

The voltammogram showed that during first scan, as the electropolymerisation 

preceded an oxidation peak appeared at 0.48V whereas a reductive peak appeared at 

0.45V. On next three scans the oxidation peak decreased but oxidation peak was 

increased again after 5th sacn. This must be due to the increase in electroactivities of the 

surface film formed after the few scans. The increase in conductivity might have 

resulted from longer polymer chains as the scan number increases. 
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Figure 75 Cyclic voltammograms of 3APPy in 1M-Na+-TSA     

9.3 Characterisation of poly (3-amino propyl pyrrole) 

9.3.1 FTIR analysis 

FT-IR spectra of poly(3-aminopropyl pyrrole) was recorded and is shown in Figure 76. 

In a spectrum, the polymer showed the absorption band at 3195 cm-1 which is due to C-

H stretching vibrations. The absorption peak observed at 1657 cm-1and is attributed to 

C=N stretching in aromatic ring.  

The band obtained at 1478 cm-1 corresponds to C-C stretching in aromatic compounds. 

The weak band at 1239 cm−1 is related to the stretching vibration of the pyrrole ring. 

The sharp band at 1089 cm−1 corresponds to the N-H in-plane deformation 

(Lallemand et al., 2007).  

The polymer showed an absorption band at 857 cm-1 which confirms the primary 

aromatic amines (Massoumi et al., 2012). 
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Figure 76 FTIR spectra of poly (3-amino propyl) pyrrole  

 

9.3.2 SEM analysis of poly (3APPy) modified surfaces 

Two different types of sensors were prepared through coating 3APPy polymer film on 

the gold electrode. The methods employed to prepare sensors were electrodeposition 

and drop casting. The surfaces of electrodes prepared through different means of poly 

(3-APPy) deposition were characterised through SEM. The morphologies and 

microstructures of both electrode surfaces were compared with a bare gold electrode. 

It is apparent in the Figure 77 (A) the bare gold surface has fissures and cavities but 

once poly (3-APPy) was electrodeposited onto the bare electrode it has smoothen the 

surface by filling the voids as shown in Figure 77 (B). The electrodeposition has casted a 

thin layer of poly (3-APPy) onto gold surface as there are small cracks scattered through 

out the film. In case of dropcasted poly (3APPy) electrode shown in Figure 77 (C), the 

polymer appears to be adsorbed into the surface and the cavities appears smaller as 

compared to the bare electrode.  
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Figure 77 SEM analysis of poly (3APPy) film onto a) bare electrode b) poly (3-APPy) 
electrodeposited and c) poly (3-APPy) drop casted     

 

9.4 Impedance studies of poly (3-APPy) based 

immunosensors 

9.4.1 Test of poly (3-APPy) based sensors against Neisseria gonorrhoea  

Formation of antigen-antibody complexes onto conductive supports yields a chemically 

modified film on the surface that alters the impedance features of the interface. The 

formation of the antigen-antibody complex perturbs the double-charged layer (Cdl) 

existing at the electrode/electrolyte interface resulting in the increase of its thickness. 

This results in the change in capacitance along with change in electron transfer 

resistance at the interface (Katz and Willner, 2003). 

Poly (3-amino propyl pyrrole) showed enough amino groups to immobilise antibodies. 

A set of electrodes were prepared by electrodeposited poly (3APPy) onto gold 

electrodes. Once surface activation of electrodes was carried out after incubation with 

sulpho-SMCC, ½ generated antbodies of Neisseria gonorrhoea β-lactamase (+) ve and 

Neisseria gonorrhoea β-lactamase were immobilised onto the activated electrode 

surface. The fully prepared biosensors were interrogated through EIS against various 

concentrations of analytes. Any change in resistance was recorded and respective 

Nyquist plot for was plotted for the interpretation of data. Nyquist plot of Neisseria 
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gonorrhoea sensor based on poly (3APPy) plotted against various concentrations of 

heat killed Neisseria gonorrhoea β-lactamase (+) ve pathogen is shown in Figure 78. The 

Nyquist plot depicts that the diameter of semicircle increased along with increasing 

bacterial concentration. The negative control against NG (+)ve is given in Figure 79.  

 

Figure 78 Nyquist plots of a poly(3APPy)-NG(+)ve modified electrode exposed to 
various concentrations of Neisseria gonorrhoea (+)ve 

 

Figure 79 Nyquist plots of negative control of poly(3APPy) modified electrodes 
exposed to various concentrations of NG (+)ve 
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The standard mean of deviation bar graph for poly(3APPy)-NG(+)ve is shown in Figure 

80 which shows good selectivity and specificity of poly(3APPy). The yellow bar 

represents antidigoxin as nonspecific and the red bar represents NG(+)ve as specific 

binding analyte. At 1Hz the deviation was higher for 104 ml-1 whereas 105 ml-1 showed 

lower deviation. In case of antidigoxin the results seemed to be consistant for number of 

tested immunosensors.  

 

 

Figure 80 Standard deviation graph of poly(3APPy)-NG(+)ve modified 
immunosensor 

Similarly poly (3APPy) based Neisseria gonorrhoea β-lactamase (-) ve sensors were 

interrogated against various concentrations of respective heat killed bacterial 

concentrations. The data obtained after impedance studies was again plotted in the 

form of Nyquist plot as shown in Figure 81.  All concentrations were prepared in the 

range of 102–106 mL-1. In Nyquist plots shown in Figure 81 along with negative control 

presented in Figure 82 is almost similar to Nyquist plots for NG (+) ve, where the charge 

transfer resistance (Rct) increases gradually as the bacterial concentration increases 

after consecutive incubations. It is apparent that the Z’ component and the –Z” 

component of impedance both increased with decreasing frequency from the baseline 

trace. The impedance spectras for analytes, Neisseria gonorrhoea β-lactamase (+) ve and 

Neisseria gonorrhoea β-lactamase (-) ve follow the theoretical shape typically seen for a 

Randle's equivalent circuit.  
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Figure 81 Nyquist plots of a poly(3APPy)-NG(-)ve modified electrode exposed to 
various concentrations of Neisseria gonorrhoea (-)ve 

 

 

Figure 82 Nyquist plots of negative control of poly(3APPy) modified electrodes 
exposed to various concentrations of NG (-)ve 

The Nyquist plot for NG (-)ve include a compressed semicircle portion at higher 

frequencies, which corresponds to the electron transfer limited process, followed by a 

linear part characteristic of lower frequency attributable to a diffusion limited electron 

transfer. It is also evident from Nyquist plot there was a proportional increase of Rct 
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with antigen concentration which may be attributed to more bacterial particles binding 

to the immobilised antibodies, providing a kinetic barrier for the electron transfer. The 

calibration bar graph for various immunosensors is presented in Figure 83.  

 

 

Figure 83 Standard deviation graph of poly(3APPy)-NG(+)ve modified 
immunosensor 

The yellow bar in the graph represents nonspecific binding which is apparently very 

low as compared to specific binding presented in the form of red bar. The error bars 

showed very good stability and reproducibility of poly(3APPy) based immunosensors.  

9.4.2 Test of poly (3-APPy) based sensors against chlamydia 

Poly (3-amino propyl) pyrrole based sensors showed promising results against 

Neisseria gonorrhoea  therefore a set of poly (3-APPy) sensors were fabricated to test 

against various concentrations of Chlamydia trachomatis. The poly (3-APPy) based 

sensors were prepared by following the same protocol as decribed in section 9.4.1.   The 

fully constructed immunosensor were immersed into ferricyanide solution for 30 

minutes prior to exposure against various concentrations of chlamydia trachomatis. 

Mean while a number of concentrations were prepared ranging from 102-107 particles 

ml-1 through serial dilution in PBS-EDTA buffer solution of pH 7.2. Each concentration 
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was incubated for 10 minutes starting from lowest towards highest. After incubation 

each sensor was interrogated through EIS and any change in impedance was recorded 

and a Nyquist plot was plotted as shown in Figure 84. 

 

Figure 84 Nyquist plots of a poly(3APPy)-Chlamydia modified electrode exposed to 
various concentrations of Chlamydia 

It was observed that after incubation with the first Chlamydia trachomatis 

concentration of 102 ml-1, there was no substantial change in impedance but when poly 

(3APPy) sensors were incubated with next concentration of 103 ml-1 the impedance 

rises suddenly.   

This increase in Rct is attributed to the binding of antigen, Chlamydia trachomatis to 

immobilised antibody producing a barrier layer that inhibits the charge transfer for a 

redox probe. Also, it has been observed that the high concentration of analyte may 

create hindrance to itself to gain access to the antibody binding sites (Chornokur, 2011). 

At the highest concentration 106 ml-1, a drop in impedance was observed, which might 

be due to some electron channelling to the electrodes from a surface saturated with 

bound bacteria and started to disrupt the surface layer. The Nyquist plots of antidigoxin 

showing nonspecific binding against poly(3APPy)-chlamydia based immunosensor is 

presented in Figure 85. 
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Figure 85 Nyquist plots of negative control of poly(3APPy) modified electrodes 
exposed to various concentrations of Chlamydia 

Once Chlamydia concentration was incubated onto antidigoxin sensor the resistance 

increased and kept increasing along with higher concentrations but the change in Rct is 

less then specific analyte (Chlamydia).  The bar graph presented in Figure 86 shows 

standard of deviation of Chlamydia based immunosensors. The specific and non specific 

bacterial binding is found to be consistant among various batches of immunosensors 

and the change in resistance is showed in the form of red and yellow bars for analyte 

and control. The error bars presented in the graph depicts that there was very less 

varation among number of sensors which showed good feasibility of poly (3APPy) as 

potential conductive layer for the immobilisation of antibodies.  

The yellow bar representing nonspecific binding depicts that there was very low 

bacterial binding showing that antidigoxin could be used a nonspecific or control for 

further experiments.  
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Figure 86 Standard deviation graph of poly(3APPy)-Chlamydia modified 
immunosensor 

9.4.3 Calibration curves against increasing antigen concentrations 

Usually, nonspecific adsorption is a major problem in label-free immunosensing, since it 

cannot be distinguished from specific adsorption in unlabelled electrochemical sensing 

antigens. To confirm that the above-observed impedance changes arise from specific 

interaction between respective antigen and the Ab, at the same time to reveal the 

selectivity of the binding, contrast experiments were performed. On the same sensor, 

specific and nonspecific antibody were immobilised onto WE1 and WE2 respectively. 

After the immobilisation the electrode was exposed to various concentrations of a 

bacterial concentrations and response was recorded. 

The curves shown in Figure 87 are generated as a result of exposure of 3APPy based 

Neisseria gonorrhoea β-lactamase (+) ve, Neisseria gonorrhoea β-lactamase (-) ve and 

Chlamydia trachomatis to increasing concentrations of respective antigen at 1 Hz. The 

curve displays the % impedance response against antigen concentration (bacterial 

particles/ml) which were normalised against the baseline response (zero antigen). In 

the calibration curve, % change in impedance was plotted against bacterial 

concentration, the Rct increased gradually with the increase of the Neisseria gonorrhoea 

β-lactamase (+) ve, Neisseria gonorrhoea β-lactamase (-) ve concentrations which 
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showed that protein structures bound to the surface of an electrode performed as 

barriers to electrical transfer. On the other hand in case of chlamydia trachomatis there 

was slight change in the gradual trend. The % response of change in impedance 

decreased after the incubation of first concentration of 102 ml-1 but started to increase 

after incubating higher concentration.  

 

Figure 87 Rct calibration curve of poly(4AMP) immunosensor comprising normalised 
values 

Overall the impedance studies of poly(3-APPy) based sensors for all three analytes 

looked very promising for Neisseria gonorrhoea and chlamydia trachomatis and showed 

the detection limit of 102 ml-1. 

9.5 Summary 

In this study, a chemical oxidative polymeristaion of 3-amino propyl pyrrole was 

carried out which has never been reported before in literature. A copolymer of pyrrole 

and 3-amino propyl pyrrole was synthesised through chemical polymerisation by using 

APS as an oxidant. The polymerisation was carried out at room temperature and dark 

brown thick precipitates were filtered soon after addition of 1M APS into the reaction 

mixture. Once poly (3APPy) suspension was deposited onto the electrode surface, it was 
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characterised through Midland imaging and it was found that electrode surface has very 

few numbers of –NH2  groups available for the immobilisation of antibodies. Therefore a 

homopolymer of 3APPy was synthesised through oxidative polymerisation and 

deposited onto the gold electrode through both drop casting and electrochemical 

deposition. The prepared electrode surfaces were studied through Midland imaging and 

it showed remarkable number of free-NH2 groups. The high number of available amino 

groups could provide a good surface layer for the immobilisation of antibodies. 

Therefore few sets of electrodes were prepared through electrodeposition of poly 

(3APPy) and antibodies were immobilised onto them following sulfo-SMCC protocol. 

Electrodeposited poly (3-aminopropyl) pyrrole was used as a base layer to conjugate ½ 

generated antibodies via a sulpho-SMCC bridge. Impedance studies were carried out 

after incubating sensors with bacterial concentrations. The data obtained for Neisseria 

gonorrhoea and chlamydia trachomatis was plotted in the form of Nyquist plot. An 

equivalent electrical circuit model was proposed to fit the experimental results. It was 

observed that with increasing bacteria concentration, the value of Rct continuously 

increased which indicated that antigen was captured at the site of antibody and the 

electron transfer process was hindered. 

The modification of electrode with poly (3-APPy) provided highly effective surface for 

antigen immobilisation. The Nyquist plot for all three analytes Neisseria gonorrhoea β-

lactamase (+) ve, Neisseria gonorrhoea β-lactamase (-) ve and chlamydia trachomatis 

showed gradual increase in Rct along with increase in bacterial concentration. This 

indicated that there was gradual increase in thickness of surface layer along with 

concentration as a result of effective binding of bacterial particles with respective 

immobilised antibodies. This may have been because reduced antibodies were 

immobilised with greater control and in the correct orientation for bacterial binding. 

This is in contrast to the random orientation of antibodies, which may have led to steric 

hindrance of bacterial particle interaction with the sensing surface. 

The immunosensors based on poly (3-Appy) have showed good detection limit of 102 

ml-1 for Neisseria gonorrhoea and chlamydia trachomatis. Overall, it can be concluded 

that the fabricated poly (3-APPy) based biosensor are efficient for Neisseria gonorrhoea 

and chlamydia trachomatis bacteria in the specified concentration range. 
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CHAPTER 10 POLYTYRAMINE BASED IMMUNOSENSOR 

10.1 Introduction 

The polymer film coated on the transducer surface for the immobilisation of biomaterial 

must be able to efficiently spread the electrical potential produced by the biochemical 

reaction to the transducer, to ensure reproducibility and to amplify the signal. The use 

of nanoscale polymer films permits better selectivity and faster measurements and has 

stimulated the development of new polymer films of varied chemical natures. 

Electropolymerisation of conducting polymers, such as polypyrrole (PPy), polyaniline, 

polyacetylene, polyindole, polythionine and polythiophene, has been studied 

extensively for the development of biosensors. This is because these polymers have a 

high conductivity and stability in both air and aqueous solution. Also, the thickness of 

the electropolymerised film and the amount of immobilised enzyme can be controlled 

easily during electropolymerisation. 

After conducting polymers, non-conducting polymers are emerging as a novel support 

matrix for the immobilisation of biomolecules because they offer impressive 

advantages, including excellent perm selectivity and high reproducibility, in addition to 

most of the reported merits of conducting polymers. The biosensors based on 

immobilising enzymes in nonconducting films have some advantages over conducting 

films: First, the film thickness of the nonconducting polymer is self-controlled during 

electropolymerisation, and a very thin and uniform film can be obtained. Biosensors 

prepared in this way generally have the advantages of fast response and high sensitivity 

because of relatively high enzyme loading. Second, the nonconducting polymer films are 

generally found to be more effective in both preventing the biosensor from fouling and 

eliminating the interference from electroactive species, such as ascorbic acid and uric 

acid (Zhang and Deng, 1996). Furthermore, nonconducting films are well suited for 

capacitance measurements where the electrode surface needs to be properly insulated 

(Loyprasertb et al., 2010). An example of a non-conducting polymer is the thin 

electropolymerised film of poly[1,3-diaminobenzene (DAB)], which can be used to 

eliminate electrochemical interference from ascorbate, urea, acetaminophen and other 
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oxidisable species (Miao et al., 2004). Previous studies indicated that monomers 

containing aromatic groups that are directly bonded to oxygen are easier to polymerise. 

The synthesis of such polymers is reproducible, producing films with good mechanical 

resistance, which allows higher stability to the modified electrode. The use of non-

conducting polymers of phenol and its derivatives for the development of biosensors 

has been reported (Situmorang et al., 2001; Tran et al., 2003). The routes of 

polymerisation of tyramine [4-(2-aminoethyl) phenol] have been extensively studied 

for application as support for biosensors (Suprun et al., 2004). 

Tyramine (Tyr) was chosen as monomer in this study due to its pendant amine group. 

This polymer presents one primary aliphatic amine per tyramine moiety which can be 

used to attach to organic molecules or to biomolecules of interest. For instance, the 

amino group can covalently bond through a carboxamide or a phosphoramidate bond 

and anchor to the transducer. Thus, poly-Tyr has been employed for enzyme (Tran et 

al., 2003), antibody immobilisation, oligonucleotide (ODN) (Situmorang et al., 2001) 

and antigen detection at vey low concentrations (Loyprasertb et al., 2010). The 

electrochemical polymerisation of phenol derivatives such as tyramine (Ty) has 

received a considerable attention for its applications in bio- and immuno-sensors due to 

the presence of a free amine group which facilitates immobilisation of bio-recognition 

molecular species. Moreover, the phenol moiety is known to be preferably oxidised to 

initiate the polymerisation reaction (Khudaish et al.,2012). Conductive properties can 

also be improved depending on the experimental conditions under which the electrodes 

are modified. The use of acidic aqueous medium to produce poly-[4-(2-aminoethyl) 

phenol], poly-Tyr, enables the formation of thicker films with improved conductive 

properties than those obtained in neutral or alkaline solutions.  

10.2 Polymerisation of tyramine 

10.2.1 Chemical polymerisation 

A significant amount of studies have been done on polyaniline and this constitutes a 

large family of polymers which are formed by oxidative either electrochemically or 

chemically of aniline or its derivatives. Aminophenols are interesting electrochemical 
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materials since, unlike aniline and other substituted anilines, they have two groups (–

NH2 and–OH) which can be oxidised. Therefore, they can show electrochemical 

behaviour resembling anilines and phenols (Thenmozhi et al., 2011). The extensive 

literature survey shows that some work has been carried out in aminophenol and their 

application in different fields specially polytyramine in biosensors. Previuosly no 

attempt was made to synthesise polytyramine through chemical oxidation method. As 

the aim of this study is to develop printed medical device therefore an attempt has been 

made to chemically polymerise tyramine through oxidative polymerisation. During this 

research work for the first time tyramine was chemically polymerised successfully in 

the laboratory. Initially 200mM tyramine solution was prepared in 1M HCl whereas 1M 

APS solution was added into the reaction mixture with continuous stirring but there 

was no polymerisation. In a second experiment tyramine was successfully polymerised 

in NaOH solution. The schematic presenatation of polymerisation of tyramine is given in 

Figure 88. 

 

Figure 88 Schematic presentation of the tyramine polymerisation   

The oxidative polymerisation of tyramine was carried out with 0.2 M solution of 

tyramine in 1M NaOH. 0.5M FeCl3 used as an oxidant. The polymerisation was 

performed at room temperature. Once polymerisation was completed, thick brown 

precipitates were collected filtered and washed several times with dH2O to remove any 

impurities. 

The resulting polytyramine particles were characterised through SEM. SEM pictures of 

polytyramine are given in Figure 89. It showed that most of polytyramine particles were 
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cubical shaped and dispersed evenly in the solution. There was also some coagulation 

apparently visible on higher resolution.  

 

Figure 89 SEM pictures of polytyramine at (A) 4,000 and (B) 10,000 magnifications     

 

10.2.2 Electropolymerisation  

Electropolymerisation of tyramine was carried out in 0.025M tyramine solution in 0.3 M 

NaOH in methanol by using GPES software on an AUTOLAB type III electrochemical. The 

solution was allowed to stand for couple of minutes to allow undissolved NaOH to settle 

down. Once settled, a small amount of the solution was taken into the beaker and 

polymerised at the voltage ranging from 0V to 1.6 V at the scan rate of 100 mVs-1. Total 

two scans were carried out and a uniform polytyramine film was electrodeposited on 

the gold electrode. 

Following electroploymerisation, polytyramine electrodes were rinsed with dH2O and 

blow-dried gently in a stream of argon. Figure 90 shows typical cyclic voltammogram 

obtained form electropolymerisation of polytyramine. The first cycle showed that 

oxidation of tyramine was irreversible for all pH values. During continuous potential 

cycling a gradual decrease in the peak current was observed, but oxidation of the 

monomer continued after second scan. It was obvious that as the number of cycles was 

increased the poor conductivity of the polytyramine films resulted in passivation of the 

electrode and hence electrodeposition current was decreased (Miscoria et al., 2006). 

After several cycles, the electrode was sufficiently blocked such that only very small 
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oxidation currents were observed. As with the electroploymerisation of other phenols, 

linking occurs through the ortho position of the phenol group leaving the amine 

available for covalent attachment of enzyme (Situmorang et al., 1999). 

 

Figure 90 Cyclic voltammogram of polytyramine     

The electrochemical trend demonstrated the reversible reaction 

(protonation/deprotonation) associated with the transfer of one electron and one 

proton between the monomer and its cationic phenoxy radical (Miao et al., 2005). This 

initiation step was followed by dimerisation reaction (one electron + one proton) of the 

phenoxy radical with Tyr molecule (linkage via ortho position) to form a dimmer 

(oligomerisation) followed by nucleation of oligomers and subsequent deposition of the 

polymer on the electrode surface as depicted in literature (Khudaish et al., 2012). 

10.3 Characterisation of polytyramine 

10.3.1 FTIR analysis  

The FT-IR spectrum of a polytyramine formed through oxidative polymerisation with 

FeCl3 was recorded along with peaks selection as shown in Figure 91.  
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Figure 91 FTIR spectra of polytyramine 

 

In the FTIR spectra, peak found at 3182 cm-1 is evident of C-H strectching in an aromatic 

compound. The two peaks at 1642 and 1571 cm-1 are attributed to the C=C stretching of 

benzene and quinone rings respectively. The peaks at 1254 cm-1 and 1222 cm-1 are 

assigned to the C-N stretching vibrations, because the C-N stretching vibrations in 

aromatic amines are in the range of 1280-1180 cm-1. The peak observed at  826 cm−1, 

corresponds to the Cb–H out of plane vibration (Thenmozhi et al., 2011). 

10.3.2 SEM analysis of polytyramine modified surfaces 

SEM images shown in Figure 92 were obtained before and after polytyraime deposition 

on gold electrodes. Two different types of electrodes were prepared. Keeping in mind of 

feasibility of printing sensors, drop casting was adapted as alternative method to 

electrodeposition. The resulting polymer surfaces onto gold electrode were analysed 

under SEM and compared with bare gold electrode. It was revealed that drop sensors 

had rough surface with crevices as shown in Figure 92 (A). Polytyramine has 

smothened the surface after electrodeposition by covering the surface crevices which 

appeared quite small after layer formation as given in Figure 92 (B). 
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Figure 92 SEM analysis of polytyramine film a) bare electrode b) PTyr 
electrodeposited and c) PTyr drop casted     

When polytyramine was casted onto the gold surface through drop, it apparently gave a 

thin and uniform film covering the electrode surface as shown in Figure 92 (C).  

10.4 Impedance studies of polytyramine based 

immunosensors 

Proper insulation of the electrode surface is an essential feature in capacitive biosensors. 

The degree of electrode insulation can be probed with cyclic voltammetry using an 

electro-active species in the contacting aqueous solution. The proper covering of 

transducer is necessary to facilitate the electron transfer between electroactive species 

and the electrode which occur either by tunnelling through the layer covering the 

electrode surface or by approaching the electrode at a defect “pinhole” in the polymer 

layer. The successful formation of a polytyramine film on the electrode surface seems to 

effectively prevent the penetration of the conducting ions. 

The immunosensors based on polytyramine were constructed through electrodepsotion 

through cyclic voltammetry. The polymer deposited surface was activated through 

sulpho-SMCC before immobilising reduced antibodies. Once constructed, these fully 

generated sensors were incubated with Neisseria gonorrhoea β-lactamase (+) ve, 

Neisseria gonorrhoea β-lactamase (-) ve and chlamydia trachomatis concentrations 

ranging from 102 ml-1 to 107 ml-1. Impedance studies were carried out on polytyramine 
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biosensors after incubating with various concentrations of Neisseria gonorrhoea and 

Chlamydia and changes in impedance were recorded.  

10.4.1 Test of polytyramine based sensors against Neisseria 

gonorrhoea 

EIS had been successfully applied to characterise immunosensor formation in previous 

studies (Geng et al., 2008; Zhang et al., 2006). Polytyramine based immunosensors were 

tested against both strains of Neisseria gonorrhoea β-lactamase (+) ve and Neisseria 

gonorrhoea β-lactamase (-) ve. A small amplitude perturbing sinusoidal voltage signal of 

0.4 V was applied over the range 0.1 Hz - 10,000 Hz to the electrochemical cell, 

containing the same redox mediator of Fe(CN6)3−/4− in PBS at pH 7.2. The resulting 

current response was recorded using µAutolab Type III frequency response analyser 

(FRA-2). This technique was applied for all bacterial sensors and results were presented 

in the form of Nyquist plot, over repeats of number of electrodes. EIS was chosen as a 

suitable technique because it measures the total resistance encountered when a current 

flows through the cell. Once prepared, functional immunosensors based on 

polytyramine were immersed in Fe(CN)63-/4- solution for 30 minutes before testing 

against increasing concentrations of Neisseria gonorrhoea β-lactamase (+) ve in PBS. 

Each electrode was incubated with concentration on the electrode surface for 10 min, 

rinsed in dH2O and interrogated by EIS. The concentration of Neisseria gonorrhoea β-

lactamase (+) ve applied ranged from 102 to 107 particles ml-1 and data was collected. 

Nyquist plot shown in Figure 93 shows that change in charge transfer resistance in 

Neisseria gonorrhoea β-lactamase (+) ve immunosensor.  

It is clearly shown that the Rct increases gradually as the bacteria concentration 

increases after consecutive incubations from 102 ml-1 up to 108 ml-1. The increase in Rct 

is attributed to the binding of bacteria to immobilised Neisseria gonorrhoea β-lactamase 

(+) ve antibody producing a barrier layer that inhibits the charge transfer for a redox 

probe. It is necessary to study nonspecific bacterial binding along with specific. 

Therfore again antidigoxin was used as control and immobilised onto polytyramine 

coated gold electrode following the protocol. Once immobilisation is completed a 
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number of sensors were incubated with NG(+)ve bacterial concentrations and 

interrogated through EIS. The resulting Nyquist plot is given in Figure 94. 

 

Figure 93 Nyquist plots of a polytyramine-NG(+)ve modified electrode exposed to 
various concentrations of Neisseria gonorrhoea (+)ve 

 

 

Figure 94 Nyquist plots of negative control of polytyramine modified electrodes 
exposed to various concentrations of NG (+)ve 



 

156 

 

The experiment was repeated several times to study the selectivity of polytyramine 

based NG(+)ve immunosensor and a bar graph was created along with error bars as 

presented in Figure 95.  The bar graph showed almost consistant results with number of 

electrodes.   

 

Figure 95 Standard deviation graph of polytyramine-NG(+)ve modified 
immunosensor 

Similarly various concentrations of Neisseria gonorrhoea β-lactamase (-) ve were tested 

against polytyramine sensors. The impedance plot against various concentrations of NG 

(-)ve is shown in Figure 96 along with control in Figure 97. The increases in the 

semicircle diameters in Nyquist plot shown in impedance spectra in Figure 67 and 

Figure 68 follow the theoretical shape typically seen for a Randle's equivalent circuit. As 

the first concentration of 102 ml-1 was incubated on polytyramine sensor the resistance 

increased. There was again appreciable change in charge transfer resistance for 103 ml-1 

concentration but the signal strength reduced after the addition of higher concentration 

of 104 ml-1. This might be because of saturation of the surface which gradually increased 

after the attachment of bacterial particles and started to cause stearic hindrance. The 

resistance of polytyramine sensors increased along with the concentration which is 

because of increase of thickness of layer on the surface of electrode. The increase in 

resisatnce was quite apparent for initial two concentrations of 102 ml-1 and 103 ml-1 but 
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there was small increase in resistance was noted after incubating with 104 ml-1 to 106 

ml-1. 

 

Figure 96 Nyquist plots of a polytyramine-NG(-)ve modified electrode exposed to 
various concentrations of Neisseria gonorrhoea (-)ve 

 

 

Figure 97 Nyquist plots of negative control of polytyramine modified electrodes 
exposed to various concentrations of NG (-)ve 
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The bar graph presented in Figure 98 showed standard mean of deviation of sets of 

polytyramine-NG(-)ve immunosensors. 

 

Figure 98 Standard deviation graph of polytyramine-NG(-)ve modified 
immunosensor 

It is evident that there is very low standard mean of deviation among number of 

polytyramine-NG(-)ve immunosensors and the reproduceability of the sensor is quite 

high.  

10.4.2 Test of polytyramine based sensors against chlamydia 

A set of polytyramine modified sensor based on Chlamydia were constructed and tested 

against heat killed Chlamydia trachomatis to study the potential of polytyramine as a 

robust platform for the immunosensor. Three sensors were used for each experiment 

and each sensor was interrogated in triplicate for reproducibility. The sensor was 

incubated with PBS, pH 7.2 to record the impedance spectra of blank polytyramine 

based immunosensor. The polytyramine based sensor was then exposed to 102 ml-1 

Chlamydia trachomatis concentration. The process was repeated for higher antigen 

concentrations ranging from 103 ml-1 to 106 ml-1. The change in impedance was 

interpreted in the form of Nuquist plot. Figure 99 shows the impedimetric data 

collected, presented in the form of a Nyquist plot depicting the faradic (Z’) and 
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capacitive (-Z’’) components of the ac impedance analysis of the polytyramine 

immunosensor following exposure to chlamydia trachomatis antigen.  

 

Figure 99 Nyquist plots of a polytyramine-Chlamydia modified electrode exposed to 
various concentrations of Chlamydia 

 

Figure 100 Nyquist plots of negative control of polytyramine modified electrodes 
exposed to various concentrations of Chlamydia 
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It can be seen from that there was a measurable signal response for the faradic 

component (Z’) and the capacitive component (Z’’) of the Nyquist Plot for increasing 

concentrations of chlamydia exposed to polytyramine sensors. The charge-transfer 

mechanism between the antibody/antigen has occurred which is evident with the 

increase in the resistive (Z’) component of the total impedance. The capacitive 

resistance (Z’’) increases to a larger extent at greater antigen concentrations (towards 

106 ml-1). The negative control of polytyramine-Chlamydia immunosensor was 

constructed through immobilisation of ½ generated antidigoxin onto WE2 following 

standard protocol. The negative control was tested against various concentrations of 

Chlamydia and the resulting Nyquist plot is presented in Figure 100. The Nyquist plot of 

negative control showed appreciable nonspecific binding with Chlamydia bacterial 

particles. Although the bacterial binding is low as compared to specific binding yet there 

was a continuous increase in resistance along with the concentrations. The impedance 

studies of negative control shows that bacterial particles get attached to the 

polytyramine-antidigoxin layer and blocked the surface resulting in the decrease of Rct 

across the electrical interface. The experiment was repeated number of times and 

calibration curve was constructed using standard mean of deviation through bar graph 

presented in Figure 101.  

 

Figure 101 Standard deviation graph of polytyramine- Chlamydia modified 
immunosensor 
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The eror bars given in Figure 101 shows that the results are almost same for the 

nonspecific binding whereas there is slight variation of results in case of specific analyte. 

In the bar graph yellow bar representing antidigoxin and red bar representing 

Chlamydia showed that there was gradual increment of Rct across the electrode surface 

but the decreased after the saturation point achived at 107 ml-1.   

10.4.3 Calibration curves against increasing antigen 

concentrations 

Usually, nonspecific adsorption is a major problem in label-free immunosensing, since it 

cannot be distinguished from specific adsorption in labelless electrochemical sensing 

antigens. The impedance changes of immunosensor against specific analyte can be 

calculated by minimising non-specific interactions. To calculate impedance changes 

arise from specific interaction between specific analyte (Neisseria gonorrhoea and 

Chlamydia) a calibration curve was constructe for each analyte as shown in Figure 102.  

 

Figure 102 Rct calibration curve of polytyramine immunosensor comprising 
normalised values 

The change of resistance of all concentration on single frequency of 1Hz was calculated 

and normalised by substartcting non-specific interactions as decribed in section 7.4.3. 

The curve was generated by plotting normalised values against bacterial 
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concentrations.The calibration plots of normalised values of resistance change (∆Rct) at 

similar frequency with different concentrations of the analytes against specific and non 

specific antibodies.  

It was observed that there was only a slight variation on the impedance of nonspecific 

antibody (i.e. antidigoxin) with the increase of bacterial concentration. Such small 

changes of the electron-transfer resistance of the nonspecific adsorption are acceptable. 

This indicated that the observed changes of the electron-transfer resistance with 

targeted antigen were due to specific antibody-antigen interaction. Without much 

interference from nonspecific adsorption, the studied immunosensor has good 

selectivity. 

10.5 Summary 

The electropolymerised polytyramine has been reported as a new nonconducting-

polymer-based immobilisation matrix for the development of biosensors. The research 

work presented in this chapter is based on polytyramine immunoosensors, constructed 

to produce highly reproducible, sensitive, and stable sensors to detect Neisseria 

gonorrhoea β-lactamase (+) ve, Neisseria gonorrhoea β-lactamase (-) ve and Chlamydia 

trachomatis. 

Polytyramine was electrodeposited onto gold electrode and characterised through SEM, 

cyclic voltammetry and western blotting imaging. The blotting images showed excess 

amino groups enough to immobilise antibodies. Once polytyramine showed potential to 

immobilise antibodies, three different types of sensors were constructed based on 

Neisseria gonorrhoea β-lactamase (+) ve, Neisseria gonorrhoea β-lactamase (-) ve and 

Chlamydia trachomatis. Each set of sensor was tested against various concentrations of 

respective heat killed bacteria and Nyquist plot was plotted. The data was fitted into 

Randles circuit model. It was evident that the semicircle diameters in the Nyquist plots 

of Neisseria gonorrhoea β-lactamase (+) ve, Neisseria gonorrhoea β-lactamase (-) ve and 

Chlamydia trachomatis increased along with the particular bacterial concentration. It 

shows that increasing antigen bound to the sensor interface elicited increased electron 
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transfer resistance which results into stronger blocking of electron transfer to the redox 

probe. 

Nyquist plot of all three antibodies showed almost similar results but the response was 

quite evident for chlamydia trachomatis. There was gradual increase in charge transfer 

resistance along with concentration showing that bacterial particles have adhered on 

the surface upon subsequent incubation. The successive adhesion had increased the 

thickness of film and as a result Rct increased. Polytyramine based immunosensors 

showed good response and reliability as possible immobilisation matrix for antibodies. 

Overall the study proved to be useful for the application of nonconducting polymers on 

the development of biosensitive materials. Polytyramine based sensors can be 

employed in successful construction of biosensors in the health care field. 
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CHAPTER 11 CONCLUSIONS AND FUTURE WORK 

11.1 General conclusions 

The overall aim of this project was to develop a biosensor for rapid detection of diseases 

as conventional detection methods are time consuming and expensive. 

The initial work was performed to develop vapour sensor as a point-of-care device for 

diabetes mellitus and pulmonary tuberculosis. It is known that variation in the 

composition of volatile components in breath can indicate certain diseases, such as 

diabetes, at a relatively early stage of development of the illness. After the analysis of 

exhaled endogenous VOCs, it is possible to separate patients with diabetes mellitus type 

2 from healthy controls. This is a first step towards the development of a non-invasive 

test using breath gas of at-risk persons and making it an attractive option for large-scale 

testing of at-risk populations. Electronic nose have received considerable attention in 

the field of health care devices. It was proposed that QTC material could be utilised for 

the sensor fabrication and could be employed as a gas sensor for electronic nose. The 

initial testing of QTC based sensors showed large, fast response to selected vapours and 

has proved as that it has potential as sensor in an electronic nose. 

The positive response of QTC sensor against selected vapours acetone and ammonia 

showed its potential in a wide variety of sensing applications. This could lead to the 

development of an array of vapour sensors made by using different binding polymers 

that could distinguish between different solvent vapours. This method may also lead to 

the identification of mixed chemical vapour composition. Unfortunately, the research 

work couldn’t go due to certain limitations and confidentiality issues.  

Later, the research work was focused onto development of sensor for rapid detection of 

certain STIs. Current detection methods for most of the STIs are time consuming and 

require expertise from sampling to identifying the disease. The most popular emerging 

technique for bacterial detection is voltammetry through capture of bacterial RNA or 

DNA. Although a popular and sensitive technique, the application of voltammetry still 

requires sample preparation, similar to that of PCR, to extract genetic material from 
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samples prior to analysis. As such, it is thought that EIS of whole bacterial particles is 

better as no sample preparation is required and the time needed for data analysis from 

each method is comparable. 

Other methods used to detect bacteria include, Optical methods (i.e. spectroscopy and 

fibre optics), QCM, SAW, SPR, MEMs and AFM. The speed of many of these technologies 

depends upon the age of the specialist machinery and sophistication of the 

accompanying software used for data analysis and whether this can be performed in 

real-time. Without exception, all the technologies currently being developed for 

bacterial detection require highly skilled scientists for operation of the machinery and 

interpretation of data. The same limitations in terms of accessibility, ease of use, time 

and cost apply to each technique mentioned to varying degrees. Therefore no particular 

method currently stands out as a leader in the field, most likely to be commercialised 

first. 

Among STIs, Neisseria gonorrhoea and Chlamydia trachomatis are recognised as two of 

most prevalent sexually transmitted bacterial infections. In an effort to prevent the 

spread of these diseases, increased attention is being focused on early diagnosis and 

treatment of symptomatic or asymptomatic infected individuals. The research work was 

conducted to prepare and characterise an impedimetric immunosensor for the 

detection and quantitation of Neisseria gonorrhoea and Chlamydia trachomatis. 

Due to the highly sensitive and selective nature of the recognition between antigen (Ag) 

and antibody (Ab), immunoassays are very useful in widespread applications such as 

medical detection, processing quality control, and environmental monitoring. 

The aim was to prepare and characterise electrochemical impedance spectroscopic 

biosensor for bacterial detection. Conductive polymers are excellent platforms for the 

immobilisation of biomolecules at electrodes. Electrochemical immunosensors are 

concerned with the formation of a recognition complex between the sensing biomaterial 

and the analyte under investigation in a monolayer or thin-film configuration, on an 

electronic transducer. Four different types of polymers were employed to form a 

conducting layer onto the transducer element which includes poly (4-amino methyl) 
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pyridine, polyaniline, poly (3-amino propyl) and polytyramine. Whereas, screen printed 

gold electrodes were used for the construction of immunosensor. 

The formation of a complex on a conductive or semi-conductive surface (antibody–

antigen binding) may alter the capacitance and the resistance at the surface–electrolyte 

interface and this phenomenon was employed to determine the concentration of the 

required analytes Neisseria gonorrhoea and chlamydia. 

Kinetics and mechanisms of electron-transfer processes that correspond to the 

biocatalytic reaction occurring at modified electrodes were derived from Faradaic 

impedance spectroscopy (FIS). 

In this study, novel impedimetric immunosensors based on conductive polymers were 

successfully developed to specifically detect Neisseria gonorrhoea β-lactamase (+) ve, 

Neisseria gonorrhoea β-lactamase (-) ve and chlamydia trachomatis. The method of 

immobilisation was to cross-link antibodies by a highly targeted molecule. Therefore, 

the development of appropriate conductive surface with excessive amino groups was 

required. Initially, PANI and poly (4AMP) were used as conductive surfaces for 

immobilisation of antibodies. Once fabricated, the reduced antibodies were immobilised 

onto the gold electrode coated with polymer by using the linker molecule sulpho-SMCC 

which reacted with the primary amine to immobilise the half-antibodies. The 

impedance studies of fully constructed sensors were carried out in the presence of a 

redox probe, [Fe(CN)6]3−/4−. All types of sensors were incubated against various 

concentrations of heat killed pathogens which were diluted through serial dilutions 

ranging from 102 ml-1 to 108 ml-1. All imunosensors were interrogated through EIS and 

change in impedance was recorded after incubating them with various concentrations.  

Initially, poly(4-amino methyl pyridine) based sensors were prepared through 

electrodeposition of 4AMP onto gold electrode followed by immobilisation of antibodies 

through sulfo-SMCC activation and then tested against various concentrations of 

Neisseria gonorrhoea β–lactamase (+) ve, Neisseria gonorrhoea β–lactamase (-) ve and 

chlamydia trachomatis. The response was interpreted in the form of Nyquist plot and 

the data was fitted into Randles model circuit. 
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The electron transfer resistance Rct, was measured in the poly (4-AMP) biosensor. The 

attachment of bacterial cells retarded the interfacial electron-transfer kinetics and 

increased the electron-transfer resistance. The total electron transfer resistance after 

cell attachment was expressed as 

 Rct =  Rc + Rcell    (14) 

Where Rc and Rcell are the charge-transfer resistance of the antibody-immobilised 

electrode and the variable charge transfer resistance introduced by the attached 

bacterial cells. 

A typical Nyquist plots were obtained, comprising of a semicircle lying on the Z’ axis 

continued with a straight line. The semicircle portion observed at the higher 

frequencies corresponds to the charge-transfer-limited process, while the linear part is 

characteristic of the lower frequencies and represents the diffusion-limited processes. 

The intercept of the semicircle with the Z’ axis at high frequency is equal to Rs. The 

diameter of the semicircle is equal to the charge-transfer resistance, Rct. 

The charge transfer (Rct) of poly (4-amino methyl) pyridine based sensors increased 

with the increasing cell concentration. The poly (4AMP) immunosensors showed a 

gradual response from 102 to 103 particles mL-1 for Neisseria gonorrhoea β–lactamase (+) 

ve and Neisseria gonorrhoea β–lactamase (-) ve. The detection limit of poly (4AMP) 

immunosensors against Neisseria gonorrhoea and chlamydia was found to be 102 

particles mL-1. 

In a similar way the polyaniline based sensors were studies and interrogated against 

various concentrations of selected analytes. The response of polyaniline modified 

sensors was plotted in the form of a Nyquist plot. A decrease of the diameters of the 

semicircles was observed along with the increase in bacterial concentrations of 

Neisseria gonorrhoea β–lactamase (+) ve, Neisseria gonorrhoea β–lactamase (-) ve and 

chlamydia trachomatis. It showed that the binding between antibody and antigen led to 

more severe distortion in the polyaniline film, which increased the charge transfer on 

the gold surface therefore charge transfer resistance decreased along with the 

concentration. In the case of Neisseria gonorrhoea β-lactamase (+) ve at a bacterial 
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concentration of 106 ml-1, the change in Rct comparatively showed insensitivity to the 

changes in the bacterial concentration, probably due to surface saturation. The 

saturation limit for Neisseria gonorrhoea β-lactamase (-) ve based immunosensor was 

found to be 104 mL-1 and for Chlamydia trachomatis the saturation limit was 103 mL-1. 

Once the saturation limit was achieved the conductive polymeric layer started to distort 

and resistance started to decrease. 

Similarly the dense polymer layers of polyaniline and poly (4-aminomethyl pyridine) 

immunosensor were disrupted after the addition of higher concentration of analyte. 

Poly (4-aminomethyl pyridine) collapsed after the addition of high concentration of 

Neisseria gonorrhoea which resulted into decrease in charge transfer resistance but 

sensor showed signs of recovery after additions of higher concentrations of antigen. 

Similarly polyaniline based immunosensors showed gradual decrease in resistance 

along with increasing concentrations of analyte which showed that the electrode 

surface does not have enough antibodies attached to the surface to passivate the 

transducer completey. This disruption of the surface layer by bacterial analyte and 

decrease in resistance suggested that both polyaniline and poly (4-aminomethyl 

pyridine) were not suitable as sensing platforms for biosensing experiments. Therefore, 

it was decided that a more robust sensing platform needed to be constructed and new 

possible immobilisation matrixes should be investigated. 

Poly (3-aminopropyl pyrrole) copolymer and polytyramine had previously been used as 

a conducting surface layer for use in amperometric based sensors. Therefore, they were 

considered as possible conducting layers for the immobilisation of Neisseria gonorrhoea 

β–lactamase (+) ve, Neisseria gonorrhoea β–lactamase (-) ve and chlamydia trachomatis. 

However, it was essential to confirm that the selected polymers had functional groups 

which could be utilised for immobilisation chemistry. To conserve and ensure correct 

orientation of amino groups for the immobilisation of antibodies both chosen polymer 

were imaged through western blotting system. The results demonstrated that the 

immunosensor constructed by poly (3APPy) and polytyramine had sufficient amino 

groups which showed high affinity to antibodies. 

The impedimetric interrogation of poly (3-APPy) and polytyramine sensors yielded 

positive results with more rigorous, reproducible data collected at the lower end of the 
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frequency range (1–10 Hz). The specific interactions and resultant complexes formed 

gave rise to an overall increase in terms of impedance change from the baseline 

response at the electrode/solution interface. Plots of the real (Z’) and imaginary (-Z”) 

components of the impedance at a specific frequency provided information for 

construction of calibration curves, recorded by multiple interrogations of both sample 

and control sensors, with respective antigen. In case of poly (3-APPy) based sensors the 

charge transfer resistance increases along with increase in bacteria concentrations of 

Neisseria gonorrhoea β–lactamase (+) ve and Neisseria gonorrhoea β–lactamase (-) ve. 

The detection limit of Neisseria gonorrhoea β–lactamase (+) ve , Neisseria gonorrhoea β–

lactamase (-) ve and Chlamydia trachomatis was found to be102ml-1 and saturation limit 

was found to be 106ml-1 whereas saturation limit of Chlamydia trachomatis was 105ml-1 

before the polymeric layer collapsed and pinholes were created onto the electroactive 

surface. 

 

The polytyramine based immunosensors showed promising results against Neisseria 

gonorrhoea β–lactamase (+) ve, Neisseria gonorrhoea β–lactamase (-) ve and Chlamydia 

trachomatis. The saturation limit shown by polytyramine sensors was also found in the 

range of 106ml-1. 

As expected, negative controls of the reduced anti-digoxin immunosensor tested with 

both antigens showed some non-specific binding. However, specific binding resulted in 

a much greater response in the charge transfer resistance of the sensor, as observed on 

the calibration curve. The immunosensors responses for both specific and non-specific 

binding were also reproducible. 

Due to time limitations for securing ethical approval and clinical samples, the 

immunosensor constructed in this study has not been interrogated in relevant samples, 

which is something that should definitely be explored with future experiments. 

Although there is potential for many of these biosensors to become commercialised, 

many issues potentially block the successful transition from laboratory to GPs surgeries. 

Development and commercialisation may be limited by widespread adoption as well as 

the large steps required to bring the sensors to market with a feasible per unit cost. 
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11.2 Future Work 

The research work presented in the thesis has showed very promising results.  However 

there were number of technical issues observed during the development 

immunosensors. Such issues are important enough to be discussed for future studies to 

improve the results. 

Due to time constraints, the stability of the immunosensor over time was not 

investigated. This is clearly one aspect of the immunosensor construction that would 

need to be investigated. It is important because medical sensors must have a shelf-life of 

months for their production and proven to be economically viable. However, antibodies 

are very stable and could be stored for quite long. 

This study used one immunosensor for the detection of increasing concentrations of 

pathogen, repeated in triplicate using three different electrodes. Therefore, the 

insulating effect caused by bacterial binding may be cumulative. As all concentrations 

were incubated on one immunosensor therefore it is not comparable to one electrode 

interrogated using EIS only once with an unknown bacterial concentration. If there was 

no financial restrain, the experiment should be run with one immunosensor for each 

concentration of bacterial sample. This was not done for this study as DropSens 

electrodes cost between 2.95 – 4.95 Euros each. If experiments were to be repeated in 

triplicate, over 100 electrodes would be required for each calibration curve. It would be 

interesting to see how this curve would compare to the final calibration achieved from 

this study. 

In addition, the immunosensor would need to be rigorously tested in urine samples 

containing pathogens. However, the limit of detection for this immunosensor is as low 

as 103 bacterial particles mL-1 and thus the sensor would be useful in diagnosing 

infection at very early stages. 

Finally, nonspecific binding of unintended targets could be tremendous practical 

challenge, and further work should be done towards optimising probe surfaces and 

processing sensor data to eliminate false signals. The performance of impedance 
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biosensor heavily depends on the availability of recognition molecules on electrode 

surface. The surface organisation of capture molecules plays an important role in 

determining the availability of recognition molecules which influences the affinity of a 

target for a receptor. Non-specific adsorption is another important factor that should be 

considered when engineering electrode surface since it increases background signal. 

A number of aspects of production would need to be addressed to reduce the time need 

to collect and analyse data before this sensor could be commercialised. Although there 

is a long way to go before this assay could feasible be commercialised, it is hoped that 

the work described in this thesis will assist others in their future work in developing 

immunosensors for the detection and quantitation of pathogens. Building on this work, 

immunosensors may improve the speed and accuracy of future healthcare diagnostics, 

thus improving patient care and outcome. 
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