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ABSTRACT 
 

In developing a biosensor, the utmost important aspects that need to be emphasized 

are the specificity and selectivity of the transducer. These two vital prerequisites are 

of paramount in ensuring a robust and reliable biosensor. Improvements in 

electrochemical sensors can be achieved by using microelectrodes and to modify the 

electrode surface (using chemical or biological recognition layers to improve the 

sensitivity and selectivity).  The fabrication and characterisations of silicon-based 

and glass-based gold microelectrode arrays with various geometries (band and disc) 

and dimension (ranging from 10 µm-100 nm) were reported. It was found that 

silicon-based transducers of 10 μm gold microelectrode array exhibited the most 

stable and reproducible electrochemical measurements hence this dimension was 

selected for further study. Chemical electrodeposition on both 10 μm microband and 

microdisc were found viable by electro-assisted self-assembled sol-gel silica film 

and nanoporous-gold electrodeposition respectively. The fabrication and 

characterisations of on-chip electrochemical cell was also reported with a fixed 

diameter/width dimension and interspacing variation. With this regard, the 10 μm 

microelectrode array with interspacing distance of 100 μm exhibited the best 

electrochemical response. Surface functionalisations on single chip of planar gold 

macroelectrodes were also studied for the immobilisation of histidine-tagged protein 

and antibody. Imaging techniques such as atomic force microscopy, fluorescent 

microscopy or scanning electron microscope were employed to complement the 

electrochemical characterisations. The long-chain thiol of self-assembled monolayer 

with NTA-metal ligand coordination was selected for the histidine-tagged protein 

while silanisation technique was selected for the antibody immobilisation. The final 

part of the thesis described the development of a T-2 labelless immunosensor using 

impedimetric approach. Good antibody calibration curve was obtained for both 10 

μm microband and 10 μm microdisc array. For the establishment of the T-2/HT-2 

toxin calibration curve, it was found that larger microdisc array dimension was 

required to produce better calibration curve. The calibration curves established in 

buffer solution show that the microelectrode arrays were sensitive and able to detect 
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levels of T-2/HT-2 toxin as low as 25 ppb (25 μg kg
-1

) with a limit of quantitation of  

4.89 ppb for a 10 μm microband array and 1.53 ppb for the 40 μm microdisc array. 
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CHAPTER 1 

LITERATURE REVIEW: 

ELECTROCHEMICAL BIOSENSORS 

 

 

1.1 Biosensor 

The biosensor field has seen a phenomenal growth spurt in recent decades in terms 

of publications and market trend. The first developed biosensor system reported was 

a glucose biosensor employing an enzyme electrode described by Clarks & Lyons 

back in 1962 [1] and ever since that, the biosensor research has been booming.  

Table 1.1 shows the number of articles and reviews with the keyword “biosensor” 

and its associated keywords published between 2005 and 2013. As can been seen 

from the table, the glucose biosensor still dominates the biosensor area. In fact it is 

one of the success stories in biosensing owing to its enzyme stability, market 

demand for diabetic patients and low cost of the product itself. On the other hand, 

the trending research areas in biosensors include DNA biosensor, biofuels cells and 

biosensor with nanomaterials.  

There is no standard or precise definition of ‘biosensor’ available from International 

Union of Pure and Applied Chemistry (IUPAC) [2]. However according to Collings 

& Caruso (1997) the consensus term of biosensor is “an analytical device, which 

exploits a biological detection or recognition system for a target molecule or 

macromolecule, in conjunction with a physicochemical transducer, which converts 

the biological recognition event into a useable output signal”[3]. The biological 

recognition element can be either integrated within or in close proximity with the 

transducer.  
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Table 1.1 Numbers of articles and reviews published in the biosensor research field 

of interest between 2005 and 2013 (Source: Web of Knowledge, Thomson Reuters). 

The fonts in italic represent biosensor work related with this thesis study. 

Keywords (Topic) Numbers of 

articles 

published 

Numbers of 

reviews 

published 

“Biosensor” 29,831 1,192 

“Biosensor” and “amperometric” 4,958 169 

“Biosensor” and “antibody” 4,022 181 

“Biosensor” and “biochip” 206 21 

“Biosensor” and “biofuel cell” 224 23 

“Biosensor” and “conducting polymer” 596 53 

“Biosensor” and “DNA” 5,320 310 

“Biosensor” and “electrochemical” 8,690 363 

“Biosensor” and “electrochemical 

impedance spectroscopy” 

1,152 30 

“Biosensor” and “glucose” 5,053 190 

“Biosensor” and “glucose oxidase” 3,386 73 

“Biosensor” and “histidine-tagged protein” 33 7 

“Biosensor” and “microelectrode” 683 37 

“Biosensor” and “microelectrode array” 252 17 

“Biosensor” and “microfabrication” 80 12 

“Biosensor” and “microfluidics” 279 34 

“Biosensor” and “nano” 803 57 

“Biosensor” and “nanobiosensor” 62 11 

“Biosensor” and “nanoelectrode” 77 12 

“Biosensor” and “nanomaterial” 121 44 

“Biosensor” and “nanoporous gold” 78 3 

“Biosensor” and “reagentless” 290 11 

“Biosensor” and “self-assembled 

monolayer” 

1,235 109 

“Biosensor” and “silanization” 60 0 
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Table 1.1 (continued) 

Keywords (Topic) Numbers of 

articles 

published 

Numbers of 

reviews 

published 

“Biosensor” and “sol-gel” 749 37 

“Biosensor” and “optical” 3,827 291 

“Biosensor” and “protein chip” 690 41 

 

A biosensor system is comprised of three essential components:  

i) Detector - recognizes the biological element of interest (DNA, antibody, 

enzymes, cells, bacteria etc.) 

ii) Transducer - converts one form of energy into another [4]. In biosensor, a 

transducer converts the biological element recognition to a signal; and  

iii) Output system - involves amplification and display of the signal.  

Depending on the biorecognition element, the biosensor detector can be categorized 

into several categories namely catalytic (enzymes, organelles, tissues), affinity 

(antibody-antigen) and hybrid receptors (DNA). A range of physical and chemical 

transducers has been used to monitor these biological recognition events. It can be 

broadly classified into electrochemical, optical and mechanical devices (Fig. 1.1). 

The operation principle of the mechanical transducers (e.g. piezoelectric and MEMS) 

in biosensors is based on the change of mechanical property of the thin layer 

adhering to the transducer surface due to biorecognition reaction. The most popular 

piezoelectric transducer is the quartz crystal microbalance (commonly abbreviated 

QCM) where QCM oscillation frequency varies due to changes in the thickness of 

thin layers adhering to a the crystal surface as a result of a biorecognition reaction. 

With regard to the optical transducer, the surface plasmon resonance (SPR), internal 

reflection spectroscopy including total internal reflection fluorescence (TIRF) and 

ellipsometry (TIRE) methods are among the most widely reported techniques [3]. 

Electrochemical transducers represent may be the most widely exploited in 

biosensing group of transducers. They are based on the use biomodified electrodes, 

pore, particles where signal is provided by application one of the electrochemical 
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techniques e.g. voltammetry, galvanometry, impedance spectroscopy. The latter 

technique will be described in details later on.     

 

 

Figure 1.1: Schematic diagram of biosensor comprising three components:  detector, 

transducer and output system. 

 

In accordance with biosensor advancement over the last fifty years, the biosensors 

have been categorised into “first-generation”, “second-generation” and “third-

generation” biosensors [5].  

(i) “First-generation” biosensors - the simplest approach of biosensor 

based on direct detection of either the increase of an enzymatically 

generated product (e.g. H2O2) or the decrease of a substrate (e.g. O2) 

of the redox enzyme.   

(ii) “Second-generation” biosensors - an artificial redox mediator is 

additionally introduced in the system (e.g. ferrocene) in order to 

achieve a biosensor operating at moderate redox potentials. The redox 

mediator should provide reversible electrochemistry, specificity for 

the selected electron transfer pathway, be stable in both oxidised and 

reduced forms; and produce no side reactions. 
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(iii) “Third-generation” biosensors - presenting a different approach in 

biosensor architecture involving immobilisation of a redox enzyme on 

electrode surface, allowing direct electron transfer between active site 

of enzyme and the transducer. The free-diffusing redox mediators are 

thus not necessary for these types of biosensors.  

 

The critical features of the biosensor are the selectivity of the biodetector for the 

specific target analyte and the possibility to maintain this selectivity even in the 

presence of interfering species. The combination of these features together with 

miniaturization, low cost and essentially real-time measurements in a variety of 

applications has generated intense commercial interest. The major areas for 

biosensor applications include medical/clinical [6, 7], agriculture which include food 

pathogen and food safety testing [8-11], environment [12, 13] and defence [14], to 

name a few. The market potential for biosensor area is so vast that as reported in 

2008 that $300 US million was spent on biosensor R&D per year [15] which 

generated market size of $563 million for food pathogen testing [16]. The 

miniaturization of the whole biosensor system that provides a portable and in-situ 

measurements for on-site applications is indeed of a current trend in the biosensing 

research/market [10, 17].    

Despite the plethora of biosensor developments nowadays, it is also important to 

emphasize the characteristics and qualities that construct a good biosensor. This has 

been elaborated by Borgmann and co-workers [5] and Grieshaber et al. [18]. In short, 

among the criteria that need to be addressed are the sensor sensitivity and limit of 

detection, linear concentration range, the selectivity and reliability, sample 

throughput as well as the reproducibility and storage stability [19].  

 

1.1.1 Electrochemical Biosensors 

Electrochemical biosensors, a subclass of chemical sensors, are defined by the 

International Union of Pure and Applied Chemistry (IUPAC) as “a self-contained 

integrated device, which is capable of providing specific quantitative or semi-

quantitative analytical information using a biological recognition element 



6 
 

(biochemical receptor) which is retained in direct spatial contact with an 

electrochemical transduction element” [20]. Generally, an electrochemical biosensor 

is a biosensor with an electrochemical transducer (Fig. 1.2) which is also considered 

as chemically modified electrode (CME).  

Among the transducers used in biosensors, the electrochemical devices seem to 

dominate the research field and have attracted considerable attention [21, 22].  The 

transducer that is being used in electrochemical biosensor usually refers to an 

electrode (ion-selective electrode, metal electrode, glass electrode, interdigitated 

electrode- to name a few); it transfers the signal from the binding of the recognition 

system to an electrical signal that is proportional to the analyte concentration. This 

signal is ultimately collected, amplified, filtered from noise, processed and displayed 

by the corresponding microelectronic hardware. The detection modes of 

electrochemical transduction are divided into several techniques.  

The electrochemical reaction can either generate a measurable current 

(amperometric), a measurable potential or charge accumulation (potentiometric) or 

measurably alter the conductive properties of a medium (conductometric) between 

electrodes. The use of electrochemical impedance spectroscopy by monitoring both 

resistance and reactance in the biosensor is also becoming more popular [22]. 

 

 

Figure 1.2:  A schematic biosensor with electrochemical transducer (electrode). 
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Electrochemical detection for the transducer is the most favourable because of the 

low cost, ease of use, portability and simplicity of construction [23]. The high 

sensitivity, selectivity and ability of electrochemical biosensor to detect biomolecule 

interactions at low detection limits have resulted in vast application of this type of 

biosensors in various fields. These applications include medicine, food industry, 

environmental monitoring, food safety and agriculture which contain rapid detection 

of toxins, heavy metals, pesticides, insecticides, herbicides, antibiotics residues; 

besides having potential market for protein or DNA analysis of genetically modified 

(GM) food testing [8]. 

Electrochemical biosensors can be divided into two main categories based on the 

nature of the biological recognition process, namely biocatalytic sensors and affinity 

sensors [20, 23, 24]. 

Biocatalytic sensors: Biocatalytic sensors incorporate enzymes, whole cells or tissue 

slices that recognize the target analyte and produce electroactive species or some 

other detectable outcome. Among these three, enzyme is the most common and well-

developed recognition system. 

Affinity sensors: Affinity sensors use the selective and strong binding of 

biomolecules such as antibodies (Ab), membrane receptors or oligonucleotides, with 

a target analyte to produce a measurable electrical signal. The molecular recognition 

in affinity sensors is mainly determined by the complementary size and shape of the 

binding site to the analyte of interest. Due to the lack of electron transfer generated 

in affinity sensors’ biomolecules, detection of electrochemical immunosensors is 

generally rely on the use of electroactive labels, usually based on enzyme labelling 

and amplification techniques.  

In electrochemical biosensor, the transducer (electrode) size has advanced from 

macro dimensions (>100 μm) towards micrometer (<100 μm) and nanometer                

(<1 μm) size. Instead of using a single working active surface on the electrode, an 

array of electrode is produced on the working electrode. By utilising micro- and 

nanoelectrode arrays, voltammetric responses with higher current densities and 

considerably less background and capacitive currents is attainable [25]. It explains 

the heightened interest in using these transducers for biosensing in recent years. This 
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area of biosensing is novel and on the rise in recent decades due to the progress in 

microfabrication technology in producing micro- and nano- transducers [26].  

 

1.1.2 Immobilisation of Biological Receptors 

After selecting the desired transducer in a biosensor system, the next crucial part is 

to establish a biocompatible layer for the recognition of the analyte of interest. The 

interaction can also happen in a free solution system but normally the immobilisation 

of the biological receptors at the transducer is preferred. Immobilisation of biological 

elements on the transducer surface is important in designing the biorecognition part 

of the biosensor. This aspect is a key factor in developing efficient biosensors with 

good operability, high sensitivity and selectivity, short response time and high 

reproducibility. The immobilised biomolecules have to be able to maintain their 

structure, their function and their biological activity after immobilisation and not to 

be easily desorbed (leached out) during the use of the biosensor.  

The principal methods of immobilization include physical or chemical adsorption at 

a solid surface, covalent binding to a surface, entrapment within a membrane (e.g. 

polymer, sol-gel) and cross-linking between molecules [3, 18]. The immobilisation 

method employed will depend on a number of factors, but in general it needs to be 

compatible with the biomolecule being immobilised, the sensor surface or matrix on 

which immobilisation is to take place, and, ultimately, the end use of the sensor. 

Table 1.2 presents various immobilisation strategies with both their advantages and 

drawbacks.  
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Table 1.2 Immobilisation methods descriptions with their advantages and 

disadvantages (B=biomolecules). Taken and adapted from Ref. [3, 27].  

Immobilisation 

methods 

Descriptions 

 

Adsorption 

      

 

Binding nature : Weak bonds  

Advantages: 

 Simple and easy (can be performed in mild 

conditions) 

Disadvantages: 

 Desorption (poor stability) 

 

Covalent binding 

     

 

Binding nature: Chemical binding between functional 

groups of the biomolecules and on the support 

Advantages: 

 No diffusion barrier, stable and short response 

time 

Disadvantages: 

 Matrix not regenerable, produce random and non-

uniform protein orientation 

 

Entrapment 

 

 

 

Binding nature: Incorporation of biomolecules within a 

gel or polymer 

Advantages: 

 Straightforward process and several types of 

biomolecules can be immobilised within the same 

polymer 

Disadvantages: 

 Diffusion barrier, biomolecules leakage and high 

concentrations of monomer and biomolecules 

needed for electropolymerization 

B

B

B

B

B

B

B

B

B

B
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Table 1.2 (continued) 

Immobilisation 

methods 

Descriptions 

 

Cross-linking 

 

 

Binding nature: Bond between biomolecules /cross-linker 

(e.g. glutaraldehyde)/ inert molecule (e.g. bovine serum 

albumin) 

Advantages:  

 Strong and enhanced stability of the biomolecules 

Disadvantages: 

 Difficult to control the reaction, large diffusional 

barrier and decrease in activity of the biomolecules 

 

In addition to these conventional methods, more recently the methods of Langmuir–

Blodgett (LB) deposition, sol–gel entrapment [28] and electropolymerisation [29] 

have all been extensively used to immobilise biological components. The two latter 

techniques, together with other few, will be discussed further in Section 1.5.  

Despite the aforementioned biomolecules immobilisation methods, their adaptation 

with different electrode materials alongside with the biorecognition elements for 

specific target is still a challenge particularly when dealing with micro- and 

nanoelectrodes in which their fabrication features (small size, recess, etc.) can create 

additional problems.    

 

1.2 Electrochemical Techniques  

Electrochemistry is the science that investigates chemical reactions and adsorption 

phenomena at an electrode-solution interface. Since electrochemistry is a surface 

technique, it offers certain advantages for detection in biosensors. For instance, the 

measurement does not depend strongly on the reaction volume whereby very small 

sample quantities can be used for its analysis [30]. Based on their operating 

principle, the electrochemical biosensors can employ potentiometric, amperometric 

B

B
B

B
B

B
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and impedimetric transducers converting the chemical information into a measurable 

signal [31]. Before discussing on the electrochemical techniques that can be 

employed in electrochemical biosensor, we first look into the fundamental concepts 

of electrochemistry. 

 

1.2.1 Fundamental Concepts of Electrochemistry 

Electrochemical Cells and Reaction  

In electrochemical systems, the transport of charge occurs across the interface 

between an electronic conductor (an electrode) and an ionic conductor (an 

electrolyte). Charge is transported through the electrode by the movement of 

electrons. Typical electrode materials include solid metals (e.g., Pt, Au), liquid 

metals (Hg, amalgams), carbon (graphite), and semiconductors (indium-tin oxide, 

Si). In the electrolyte phase, charge is carried by the movement of ions. The most 

frequently used electrolytes are liquid solutions containing ionic species, such as, H
+
, 

Na
+
, Cl

-
, in either water or a nonaqueous solvent [32].  

Electrochemical cells can be divided into galvanic and electrolytic cells [32, 33] 

(Fig. 1.3). A galvanic cell produces electrical energy while electrolytic cell consumes 

electricity from an external source. The fuel cell is one of the examples of the 

commercial importance of galvanic cells. Electrolytic cells are frequently employed 

to carry out desired chemical reactions and its industrial applications include 

electrolytic syntheses, electrorefining and electroplating [32].  

 

 

Figure 1.3:  (a) Galvanic and (b) electrolytic cells. Taken from Ref [32]. 
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An electrochemical reaction involves a transfer of charge via an electron or ion [32, 

33].  A redox reaction implies the transfer of at least one electron from a chemical 

species to another one and induces the change of oxidation stage of the species. This 

reaction can occur through the application of an external voltage or through the 

natural release of chemical energy. Redox reaction involves oxidation, where the 

species loses electrons, and reduction, where it gains electrons: 

Reduction:  Oxidant + e
-                 

Product 

Oxidation: Reductant       Product + e- 

In electrochemical cells, the electrode at which reductions occur is referred as the 

cathode, and the electrode at which oxidations occur is the anode. A current in which 

electrons cross the interface from the electrode to a species in solution is a cathodic 

current, while electrons flow from a solution species into the electrode is an anodic 

current. In an electrolytic cell, the cathode is negative with respect to the anode; but 

in a galvanic cell, the cathode is positive with respect to the anode. 

 

Faradaic and Non-Faradaic Process 

In an electrochemical cell, two types of processes can occur at the electrodes. If the 

process involves an electron transfer at the electrode-solution interface as mentioned 

earlier, it is referred as faradaic process. This redox reaction obeys Faraday’s law 

(Eq. 1.1) which states that the quantity of reacted species is directly proportional to 

the quantity of electricity (electrical charge) passing through the cell. 

                      

where Q is the charge (in Coulombs, C), n is the number of electrons involved in the 

reaction, N is the number of moles (in mol) and F is the Faraday’s constant 

(F=96485 C). Electrodes at which Faradaic process takes place are sometimes called 

charge-transfer electrodes.  

Adsorption and desorption can also occur at the electrode-solution interface, known 

as non-faradaic processes. In this case, although charge does not cross the interface, 

external currents can flow when the potential, electrode area or solution composition 

changes. The electrode-solution interface acts as a capacitor when a non-faradaic 
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process occurs in an electrochemical cell, (Fig. 1.3). When a potential is applied to a 

capacitor, charges accumulate at the metal plates according to Eq. 1.2: 

 

where Q is the charge stored in the capacitor (in Coulombs, C), E is the potential 

across the capacitor (in volts, V) and C is the capacitance (in Farads, F). A current, 

called charging current, flows during this charging process.  

 

Electrode/Solution Interface 

The strong interactions between the molecules in solution and the electrode surface 

result in the formation of the electrical double layer [33, 34] and is characterised by a 

double layer capacitance [32]. The model of the double layer is shown in Fig. 1.4. 

The double layer model is thought to be made of several “layers” where the layer 

closest to the electrode, called the inner layer, contains solvent molecules and species 

that are specifically adsorbed. This inner layer is also called the compact, Helmholtz 

or Stern layer.  

 

Figure 1.4:  The metal-solution interface acts as a capacitor with a charge on the 

metal, (a) negative and (b) positive. Taken from Ref. [32]. 

 

The inner or Helmholtz layer itself is then divided into the Inner Helmholtz Plane 

(IHP) and the Outer Helmholtz Plane (OHP) as shown in Fig.1.5. Centres of the 

specifically adsorbed ions are in the IHP while solvated ions closest to the electrode 

SolutionMetal SolutionMetal(a) (b)
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plane are in the OHP. The non-specifically adsorbed ions are spread in a diffuse 

layer, which is located between OHP and the bulk solution.  

 

Figure 1.5: Electrical double layer model under conditions where anions are 

specifically adsorbed. Adapted from Ref. [32]. 

 

The thickness of the diffuse layer depends on the total ionic concentration in the 

solution. In most cases, the charging current generated by the double layer is 

negligible compared to the current generated by faradaic processes. However, at low 

concentrations of electroactive species, the charging current can be much larger than 

the faradaic current for the reduction or oxidation reaction. 

 

Mass Transport-Controlled Reactions 

Mass transfer is the movement of material from one location in solution to another. 

There are three modes of mass transport: 

i) Diffusion  

Diffusion can be defined as a spontaneous movement that is 

influenced by the concentration gradient, from high concentration 

regions to lower concentration regions [33, 34]. The rate of diffusion 

Solvated cation



15 
 

is directly proportional to the slope of concentration gradient, as 

described by Fick’s First Law (Equation 1.3): 

 

     
  

  
                                         

 

where j is the flux/mol cm
-2

s
-1

 corresponding to the number of moles 

passing through unit area in unit time, 
  

  
 is the local concentration 

gradient at point x and D is the diffusion coefficient (cm
2
 s

-1
), 

typically the magnitude of D lies in the range 10
-6

 -10
-5

 cm
2
 s

-1
. As a 

rule of thumb, the bigger the molecule, the smaller the diffusion 

coefficient. 

 

ii) Migration 

Migration is the movement of the charged species along an electrical 

field. When a potential is applied to the electrodes, the interface 

becomes charged and any charged species near the interface will be 

attracted or repelled from it by electrostatic force [34]. 

 

iii) Convection 

There are two forms of convection i.e. natural and forced. Natural 

convection occurs as a result of density gradients in solution causing a 

flow of material from the denser to the less dense region. Density 

gradients are also caused by localised thermal variations. Natural 

convection is generally irreproducible and undesirable in 

electrochemical experiments. Forced convection, on the other hand, is 

the deliberate stirring or agitation of the solution by mechanical 

means. It is often designed to be part of the experiment so as to 

dominate the mass transport in the system. Hydrodynamic 

voltammetry is one example based on controlled convective mass 

transport [35]. 
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Taking the three modes of mass transport into account, the rate of mass transport is 

described by the Nernst-Planck equation (Eq. 1.4):  

 

                                     
      

  
  

  

  
  

     

  
                         

 

 

where J(x) is the flux of species (mol s
-1

 cm
-2

), D is the diffusion coefficient                

(cm
2
 s

-1
),  C(x)/ x is the concentration gradient, z, F and C are the charge of the 

species, Faraday constant (96485 C) and concentration (mol cm
-3

) respectively, R is 

the ideal gas constant (8.314 J K
-1

 mol
-1

), T is the temperature (K),  𝜙(x)/ x is the 

potential gradient and v(x) is the velocity (cm s
-1

).   

The three terms on the right-hand side represent the contributions of diffusion, 

migration, and convection to the flux respectively [32]. The equation becomes 

complex especially when all the three processes happen simultaneously. To simplify 

the situation during electroanalysis, a strong supporting electrolyte is added to the 

media and the solution remains unstirred so that the migration and convection 

processes can be considered negligible in comparison with the diffusion effect.  

 

1.2.2 Amperometry and Voltammetry 

Voltammetric and amperometric techniques are characterised by applying a potential 

to a working electrode versus a reference electrode and measuring the current. If 

current is measured at a constant potential as a function of time, it is referred to as 

amperometry. However, if the current is measured during controlled variations of the 

potential, then this is referred to as voltammetry [36]. Voltammetric methods include 

linear sweep voltammetry, cyclic voltammetry, hydrodynamic voltammetry, 

differential pulse voltammetry, square-wave voltammetry, ac voltammetry, 

polarography and stripping voltammetry. These methods provide a wide dynamic 

range, and are useful for low level quantification [23]. Of all these techniques, cyclic 

diffusion migration convection 
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voltammetry (commonly abbreviated as CV) is one of the most widely used method 

in providing information regarding the redox potential and electrochemical reaction 

rates of analyte solutions. 

Voltammetry and amperometry techniques are usually performed with a Pt-, Au- or 

C- based working electrode or an array of electrodes with respect to a reference 

electrode, which may also serve as the auxiliary electrode, if currents are low (10
-9

 to 

10
-6

 A). The resulting current is directly correlated to the bulk concentration of the 

electroactive species [20]. Amperometric detection is commonly used with 

biocatalaytic and affinity sensors because of its simplicity and low limit of detection. 

Although not all protein analytes in these classes of biosensors are intrinsically 

capable to serve as redox partners in electrochemical reactions and thus require 

mediators for the electrochemical reaction, amperometric devices is still favoured 

and their sensitivity is often superior in comparison to potentiometric devices [24, 

36].  

 

Cyclic Voltammetry  

Cyclic voltammetry (CV) is the most widely used technique to investigate an 

electrochemical system. Besides indicating the degree of reversibility of an 

electrochemical process, it also provides information about kinetics of a reaction. 

The CV experiment involves applying a potential to the working electrode which 

changes with time as shown in Fig. 1.6. The experiment records the current flowing 

through the working electrode (WE) as a function of the applied potential and a plot 

of current versus potential is constructed, which is known as a ‘voltammogram’. The 

potential of the working electrode starts at a value, E1, and then swept in a linear 

manner to voltage, E2. In this point, the direction of scan is reversed and the working 

electrode potential returned usually to its original value. 
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Figure 1.6:  The potential waveform applied to the working electrode in the cyclic 

voltammetry experiment. 

A typical cyclic voltammogram is shown in Fig. 1.7 exhibiting two asymmetric 

peaks (cathodic and anodic) with typical reversible electrochemical reaction. 

Information obtained and extracted from the CV i.e. the potential interval (Ep=Epc-

Epa) and current peak ratio (ipc/ipa) could provide information regarding the 

reversibility of the redox model system [37] (Table 1.3). 

 

 

Figure 1.7:  Typical cyclic voltammogram with peaks of reduction (Epc), peaks of 

oxidation (Epa), reduction current (ipc) and oxidation current (ipa). 

 

The peak current can be plotted against the square-root of the scan rates. The 

Randles-Ševčík equation predicts that the peak current should be proportional to the 

square root of the scan rate (Eq. 1.5). 

The Randles-Ševčík equation:  
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where n is the number of electrons involved in the reaction, A is the electrode surface 

area (cm
2
), C is the bulk concentration (mol cm

-3
), D is the diffusion coefficient      

(cm
2
 s

-1
) and υ is the sweep rate (V s

-1
). 

The reversibility of the system is indicated by the ratio of ipa/ipc (a result of 1 

indicates a reversible reaction) and the difference between peak potentials (ΔEp). In a 

one-electron transfer redox reaction, the ΔEp (in V) should be 0.059 at 25°C as 

follows from Eq. 1.6:  

    
     

 
                          

where n is the number of electron involved in the reaction. To sum up, Table 1.3 

below gives the parameters for both reversible and quasi-reversible system. For a 

non-reversible system on the other hand, no peak is observed in the reverse scan.  

Table 1.3 CV parameters for reversible and quasi-reversible systems 

Parameters Reversible Quasi-reversible 

ΔEp (59/n) mV 

independent of v 

>(59/n) mV 

increases with v 

ip Proportional to v
1/2

 Not proportional to v
1/2

 

ipa/ipc 1 1 

ipa=current for anodic peak, ipc=current for cathodic peak 

 

1.2.3 Potentiometry 

Potentiometry provides information about the ion activity in an electrochemical 

reaction [38] with no current flowing [18]. Common examples of potentiometry 

devices are the ion-selective electrode (ISE) and pH electrodes for ions such as K
+
, 

Ca
2+

, Na
+
 and Cl

-
 [20, 22, 23]. Two reference electrodes are used to measure the 

potential across a membrane that selectively reacts with the charged ion of interest. 

This type of chemical sensors can be turned to biosensors by coating them with a 

biological element such as an enzyme that catalyzes a reaction which forms the ion 

that the underlying electrode is designed to sense [23].  
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For potentiometric measurements, the relationship between the concentration and the 

potential is governed by the Nernst equation (Eq. 1.7), where Ecell represents the 

observed cell potential at zero current. This is sometimes also referred to as the 

electromotive force or EMF. According to this equation, potential changes are 

logarithmically proportional to the specific ion activity. 

                   
   

  

  
                      

where      
  is a constant potential contribution to the cell, R the universal gas 

constant, T the absolute temperature (in degrees Kelvin), n is the charge number of 

the electrode reaction, F is the Faraday constant and Q is the ratio of ion 

concentration at the anode to ion concentration at the cathode.  

 

1.2.4 Conductometry 

Conductometric detection monitors changes in the electrical conductivity of the 

sample solution/analyte (electrolyte solutions) or a medium (e.g. nanowires), as the 

composition of the medium changes during chemical reaction [23]. Conductometric 

can be considered as a subset of impedimetric devices [18]. The capacitance changes 

are measured using metal electrodes (mostly Au or Pt) [39] and in some cases, 

interdigitated microelectrodes are also employed [40, 41]. Conductometric 

biosensors is said to pose advantages over other types of transducers as they can be 

produced through inexpensive thin film standard technology, no reference electrode 

is needed and differential mode measurements allow cancellation of a lot of 

interferences [37]. This technique has been used as the detection mode in biosensors 

for environmental monitoring [42], clinical analysis and to detect foodborne 

pathogens [23].  The drawback of this technique however is that the high ionic 

strength of biological matrices makes it difficult to record the relatively small net 

conductivity changes caused by the signalling reaction [39]. 
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1.2.5 Electrochemical Impedance Spectroscopy  

Electrochemical Impedance Spectroscopy (EIS) that was initially used for the 

determination of the double layer is gaining interest and attention in recent years as a 

complementary technique for the characterisation of electrode processes at complex 

interfaces. It is becoming a powerful tool in electroanalysis as EIS analysis is able to 

provide information regarding electrode interface, its structure and the reactions 

taking place.  

EIS is an alternating current method that describes the response of an 

electrochemical cell to a small amplitude sinusoidal voltage signal as a function of 

frequency. The resulting current sine wave differs in time (phase shift, φ) (Fig. 1.8) 

with respect to the perturbing (voltage) wave, and the ratio between the voltage and 

current is defined as the impedance (Z) [43]. EIS demonstrates the ability of a circuit 

to resist flow of electrical current and to store electrical energy, represented by the 

“real impedance” and “imaginary terms respectively” [44]. The most popular 

formats for evaluating electrochemical impedance data are the Nyquist and Bode 

plots. 

 

 

Figure 1.8:  Impedance experiment: sinusoidal voltage input (V) at a single 

frequency (f) and current response (I). It can be expressed as the modulus ∣Z∣ and the 

phase angle φ, or it can be represented by the real (Z’) and the imaginary (Z’’) part. 

Taken from Ref. [45]. 
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Nyquist Plot 

In Nyquist plot, the impedance is usually expressed as a complex number, where the 

ohmic resistance is the real component (x-axis, Z’) and the capacitive reaction        

(y-axis, -Z’’) is the imaginary one. The shape of the Nyquist plot yields insights into 

possible conduction mechanisms or kinetic governing phenomena. For example, if 

the plot displays a perfect semicircle, the impedance response corresponds to a single 

activation-energy-controlled (or charge-transfer) process. A depressed semicircle 

indicates a more detailed model is required whilst multiple loops indicate that more 

than one time constant is required to describe a process [44]. The shape of the typical 

Nyquist plot may also include a semicircle followed by a straight line (Fig. 1.9a). 

The linear part observed at low frequency implies a mass-transfer limited process 

[46] whilst the semi-circle observed at high frequency indicates a charge-transfer 

limited process. The advantage of Nyquist plot representation is that it gives a quick 

overview of the data and a qualitative interpretation can be made from the plot. 

While plotting data in Nyquist format the real axis must be equal to the imaginary 

axis so as not to distort the shape of the curve. The shape of the curve is important in 

making qualitative interpretations of the data. However, the disadvantage of the 

Nyquist plot is that the frequency dimension of the data is not stated in the plot. This 

can be overcome by labelling the frequencies on the curve [47]. The Nyquist plot 

also makes the determination of low impedance values observed at very high 

frequencies very difficult.  

 

Bode Plot 

Another form of EIS data presentation is the Bode plot, which shows the phase angle 

(denote by φ) and the logarithm of the impedance magnitude as a function of the 

logarithm of frequency, f. Unlike Nyquist plots, Bode plots show frequency 

information and reveal an important low impedance behaviour seen at high 

frequencies. The slope of transition between low and high frequency asymptotes 

provide useful information regarding the nature of the impedance response. The 

popularity of the Bode plot representation is based on its utility in circuit analysis. 
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Phase-angle plots are sensitive to system parameters and therefore provide a good 

means of comparing the model to the experimental results.  

 

 

Figure 1.9: (a) Nyquist plot and (b) Bode plot; ω=2πf is angular frequency, Rs is 

solution resistance, Rct is charge-transfer resistance, Cdl is double-layer capacitance 

and Zw is infinite diffusion. 

 

EIS technique is routinely used in the characterisation of coatings, batteries [48], fuel 

cells and corrosion phenomena. However, due to its ability to study any intrinsic 

material property or specific processes that could influence the conductivity, 

resistivity or capacitivity of an electrochemical system, this technique is gaining 

popularity in immunosensor as it offers label-free detection for antibody-antigen 

binding recognition [49, 50]. Several publications also have reported application of 

EIS in label-free DNA detection [51, 52]. In addition, EIS has found widespread 

applications in the field of characterisation of materials in the recent years. It has 

also been used extensively as a tool for investigating mechanisms in electro-

deposition, electrodissolution, passivity, investigation of ion diffusion across 

membranes and in the study of semiconductor interfaces.  
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Equivalent Circuit Model 

Impedance data is commonly analyzed by fitting it to an equivalent circuit model. 

Equivalent circuit models have long been used to simulate the interface impedance. 

This concept was first introduced by Warburg in 1899; he proposed that the 

electrode-liquid interface could be represented by a polarization resistance in series 

with a polarization capacitor [53]. Later, experimental findings revealed that the 

polarization capacitance exhibited a frequency dependency [54] which were 

simulated by a constant phase angle impedance of the interface capacitance. The 

equivalent circuit theory evolution continues until Randles came up with his 

renowned Randles model in 1947 [55]. 

The rule of thumb in developing an equivalent circuit model is that it should always 

be selected on the basis of understanding the electrochemical system and does not 

contain arbitrarily chosen circuit elements [56].  Producing the best fit between the 

model and experimental data does not necessarily mean that the developed 

equivalent circuit model has physical meaning.  

As a basis, an equivalent circuit model is an integration of passive elements such as 

resistors (R), capacitors (C) and inductors (L) and distributed elements such as 

constant phase element (CPE) and Warburg impedance (Zw). These elements can be 

combined in series and parallel to give complex equivalent circuits. Table 1.4 lists 

the common circuit elements, the equation for their current-voltage relationship and 

impedance.  
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Table 1.4 Ideal circuit elements used in the models 

Component Equivalent         

element 

Current vs. 

Voltage 

Impedance 

Resistor R (ohm)        = R 

 

Notes: 

 Impedance of resistor is independent of frequency  

 No imaginary component 

Capacitor C  (F or ohm
-1

 s)           
    

 

   
 

Notes: 

 Impedance of capacitor decreases as the frequency raises 

 Has only imaginary component 

 Current through capacitor is phase-shifter  -90 with 

respect to voltage 

 e.g.  double layer capacitance (Cdl) and coating 

capacitance (Cc) 

Inductor  L (H, or ohm s)                  

Notes: 

 Impedance of inductor increases with frequency  

 Has only imaginary component 

 Current through an inductor is phase-shifted +90° with 

respect to the voltage 

 Inductor gives a physical meaning of adsorption of 

reactants on surface which appears at low frequency and 

artefact that appears at high frequency 
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Table 1.4 (continued) 

Component Equivalent 

element 

Current vs. 

Voltage 

Impedance 

Infinite diffusion Zw (ohm)   
   

  

√  

 

Notes: 

 Warburg impedance was developed to model the diffusion 

of ionic species at the interface in electrochemical systems 

and also can be used to model semi-infinite linear 

diffusion 

 Characterized with a straight line with a slope of 45° in 

the Nyquist plot and phase angle of -45° in the Bode plot  

Constant Phase 

element (CPE) 

Q (ohm
-1

 s
α
)  

   
 

        
 

Notes: 

 CPE exists when there is a lack of homogeneity involve 

(e.g. electrode’s roughness) 

 For ideal electrodes equation reduces to infinite diffusion 

equation with α=0.5 thus Q is equal to 1/RW  

 The double layer capacitance (Cdl) and coating 

capacitance (Cc) are also very often modelled with a CPE 

 Characterized with a straight line with a slope of between 

0 and 90° in the Nyquist plot and phase angle of between 

0 and -90° in the Bode plot 

 

 

The inverse value of resistance is called conductance and for this reason some 

investigators name such systems as conductometric [31].  Here, several simple 

electrical circuits are presented. 
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i) Series R-C circuit  

A series of R-C circuit model (Fig. 1.10) is usually modelled an ideally polarizable 

electrode (i.e. ideal capacitor) where no charge transfer (faradaic current) occurs 

across the solution-electrode boundary. This model is considered as an ideal 

behaviour circuit and the examples are the mercury electrode - supporting electrolyte 

solution and also can be used to model a metal with an undamaged high impedance 

coating [57].  

 

Figure 1.10:  Series R-C circuit. 

 

ii) Parallel R-C circuit  

The parallel RC circuit (Fig. 1.11) is generally of less interest compared to the series 

circuit. This is because the output voltage is equal to the input voltage and thus this 

circuit does not act as a filter on the input signal unless fed by a current source.  

 

 

Figure 1.11:  Parallel R-C circuit. 

 

 

iii) RLC circuit 

When an inductance element is added in the R-C series, this is then known as the 

RLC circuit (Fig. 1.12). The L element is represented by a loop symbol in a circuit as 

the inductors are usually constructed from coils of wire. This circuit is being used in 
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many different types of oscillator circuits. Another of its importance also is for 

tuning, such as in radio receivers or television sets, where they are used to select a 

narrow range of frequencies from the ambient radio waves. The circuit model with 

series of RLC also can be used to model the response of a supercapacitor.  

 

Figure 1.12: An RLS series circuit. 

 

iv) Resistance serial with capacitance and resistance in parallel  

This circuit includes a solution resistance, a double layer capacitor or a CPE and 

polarization resistance, also known as the ‘three component’ model (Fig. 1.13). It is 

used to model corrosion processes [58] and is often the starting point for other more 

complex models. The studies in electrode-electrolyte interface indicate that the 

respective model only valid in the absence of faradaic current where no diffusion 

prevails.  

 

Figure 1.13: Series of Rs with parallel connection of R-C circuit. 

 

 

v) Randles circuit (Mixed kinetic and diffusion control)  

A Randles circuit is an equivalent electrical circuit that consists of an active 

electrolyte resistance, RS, in series with the parallel combination of the double-layer 

capacitance, Cdl, and a faradaic reaction consists of an active charge transfer 

http://en.wikipedia.org/wiki/File:RLC_series_circuit.png
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resistance, Rct, and a specific electrochemical element of diffusion known as 

Warburg element, W (Fig. 1.14).  Warburg impedance (Zw) accounts for the diffusion 

of ions from bulk electrolyte to the electrode interface. 

 

 

Figure 1.14: Randles circuit model. 

 

This model can be used to describe electrode processes when both kinetics and 

diffusion are important. This circuit was initially proposed by Randles for modeling 

of interfacial electrochemical reactions in presence of semi-infinite linear diffusion 

of electroactive particles to flat electrodes. The Randles equivalent circuit is one of 

the simplest possible models describing processes at the electrochemical interface. 

In real electrochemical systems, impedance spectra are usually more complex and 

some deviation from ideal behaviour can be observed. Under these circumstances, 

the Randles circuit may not give appropriate results. A two Randles circuits in series 

can be used for instance, to model the response of batteries as shown by Rodrigues 

and co-workers [48].  In the process of heterogeneous electron transfer, the 

nonuniformity of rough electrode surfaces (inhomogeneity, roughness, edge 

orientation and porosity) is frequently responsible for nonideality and frequency 

dispersions and resulting in the CPE behaviour. More detailed information regarding 

the EIS and equivalent circuit models can be found elsewhere [44, 59].  

 

vi) Modified Randles circuit for microelectrode 

The main difference between macro and micro electrodes relates to their different 

diffusion behaviour: macroelectrodes are associated with plane 1-D diffusion 

whereas microelectrodes are associated with cylindrical (2-D) and spherical (2-D) 

diffusions. The first can be modelled with Warburg impedance; the second required 
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more complex models. An analytical solution was found for diffusion impedance of 

microdisc electrode as well it was suggested modification of the Randles circuit to 

account these changes in the diffusion behaviour.  

Gabrielli et al. (2006) proposed the following equivalent circuit model (Fig. 1.15) for 

a microelectrode in a thin-layer cell [60]. It was suggested that microelectrode in a 

thin-layer cell has two different types of diffusion profile at high and low frequency. 

Here, the Warburg impedance in the previous Randles circuit is replaced by Zm that 

accounts for spherical diffusion at high frequency and Zw that accounts for low-

frequency contribution. 

 

 

Figure 1.15: Equivalent circuit suggested for microelectrode.  

 

 

1.3 Microelectrode and Nanoelectrode Array in Biosensing 

Microelectrode arrays are gaining popularity in recent decades, particularly in 

electroanalytical chemistry. This comes from the fact that integration of micro- and 

nanoelectrodes into arrays allow retention of the microelectrode advantages which 

will be described below together with an increase of the total signal and signal to 

noise ratio.  Historically, the greatest drive towards the early development of solid 

microelectrodes arose in the 1940s and 1950s when the need to measure oxygen 

concentrations in living biological organisms became of paramount importance [61] 

with the first tungsten microelectrode fabricated over 50 years ago by the 1981’s 

Nobel Laureate David H. Hubel [62]. 
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1.3.1 Microelectrode Definition 

There are many definitions of dimensions for microelectrodes available, but IUPAC 

has generally outlined that a microelectrode has dimensions of tens of micrometers 

or less, down to submicrometer range
 
[63] whilst nanoelectrode is defined as an 

electrode having dimensions on the order of a few tens of nanometers
 
[64]. In 

comparison with these, the conventional ‘macroelectrodes’ electrodes have 

dimensions greater than 100 µm and commonly their dimensions are of the order of 

millimetres. There are also terms ultramictroelectrodes or abbreviated as UMEs 

which is also widely used in publications. The UMEs is referred to electrodes with 

length less than 20 µm [65]. However for this study, the terms micro- and 

nanoelectrodes are chosen and used to discuss the following topics.  

 

1.3.2 Advantages of Microelectrodes 

 Among the characteristics/behaviours that distinguish microelectrodes from 

macroelectrodes are the following keys: 

 Non-planar diffusion - Microelectrodes have faster rates of mass transport 

than macroelectrodes, facilitating the measurement of faster kinetics  

 Reduced capacitance - The capacitance of the double layer is directly 

proportional to the area of the electrode  

Due to their small sizes, microelectrodes offer a series of advantages compared with 

the conventional macroelectrodes. A major feature of microelectrode voltammetry is 

the ready access to near steady-state conditions (radial diffusion) where the influence 

of the ohmic (iR) drop is considerably reduced relative to that associated with the 

transient response (linear diffusion) [66]. As electrodes decrease in size, radial 

diffusion becomes dominant and results in faster mass transport. This high rate of 

mass transport (diffusion) at small electrodes enables measurement of kinetics by 

steady-state experiments rather than transient techniques. Microelectrodes provide an 

attractive alternative over macroelectrodes because they can produce a voltammetric 

response of similar magnitude to those macro counterparts, but with considerably 

less background and capacitive current [67]. 
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The best known property of microelectrodes is their ability to generate steady-state 

current/voltage curves in quiescent solutions compared to macroelectrodes producing  

peak shapes voltammograms. Fletcher & Horne (1999) has compared the peak 

obtained from their random assemblies microdiscs (RAM™) with a 3 mm carbon 

macrodisc in a 10
-3 

M solution if potassium ferricyanide/ferrocyanide in 0.1 M 

potassium nitride [67]. It can be seen that the random assembly electrode produced a 

steady-state voltammogram whereas the carbon macrodisc produced a peak-shaped 

voltammogram (Fig. 1.16). 

 

Figure 1.16: CV comparison for random assembly microelectrodes (RAM™) and 

carbon monodisc in 10
-3

 M K4Fe(CN)6/K3Fe(CN)6  in 0.1 M KNO3. Scan rate                  

20 mV s
-1

. Taken from [67]. 

 

1.3.3 Types of Microelectrodes and Their Electrochemical Behaviour 

Various types of array electrodes have been made, and among the most common 

ones are planar (also known as in-laid electrode) or recessed microdisc electrode 

arrays, microband electrode arrays, interdigited microelectrode arrays (planar and 

vertical) and linear microelectrode arrays. The basic types of microelectrodes and 

their arrays as outlined by IUPAC [63] are shown in Fig. 1.17. According to Arrigan 

(2004), if collections of these electrodes are arranged in an ordered manner with a 
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controlled inter-electrode spacing, they are referred to as arrays; and if the 

collections are not so ordered and there is no specific control over the inter-electrode 

spacing, then they are referred to as ensembles [25]. 

 

 

Figure 1.17: Most important geometries of microelectrodes and microelectrode 

array. 

 

Of all these electrode geometries, Bond et al. [61] reported that microband electrodes 

and cylindrical symmetry electrodes do not attain true steady states. On the other 

hand, only three microelectrode geometries that attain true steady states- namely 

hemispheres, inlaid discs and rings. 

Recessed electrodes, in comparison with inlaid electrodes are not flat electrodes. 

Recessed electrodes are electrodes that are located in a recess or gap (Fig. 1.18b) that 

can affect the diffusion of the species according to some theories, or not affect it 

according to other theories. Alden & Compton [68, 69] has focused on four types of 

non-ideal microelectrodes in their studies, namely: 
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 Elevated microelectrode (with conductive supporting sides) 

 Recessed microelectrode (with insulating pit walls) 

 A platform microelectrode (with  insulating supporting sides); and 

 Line microelectrode (Inlaid electrode) 

 

 

Figure 1.18:  The geometries of the four non-ideal electrodes studied by Alden & 

Compton [69]: (a) elevated electrode; (b) recessed electrode; (c) platform electrode; 

and (d) line/inlaid electrode. 

 

The electrochemical behavior of microelectrodes depends largely on its design. 

Depending on the aforementioned geometries, each microelectrode has their own 

diffusion patterns thus affecting the type of voltammetric response, and each has 

different limiting current equations (Fig. 1.19) [25]. 
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Figure 1.19: Diffusion modes and the equations of the micro- and nanoelectrodes for 

the corresponding steady-state current; where n is the number of electrons involved 

in the reaction, F is Faraday constant (96,485 C mol
-1

), C is the bulk concentration of 

the redox-active species, D is diffusion coefficient, r is the disc radius (cm) and L is 

recess depth (cm).  

 

1.3.4 Microelectrode Arrays Designs and Diffusion Profiles 

It is interesting to note that single microelectrodes, in comparison with 

microelectrode arrays, have low current output which are more susceptible to 

interference [67, 70]. These, however, can be overcome by the fabrication of high-

density arrays or ensembles.  

The challenge in microelectrodes array design is to put maximum number of 

electrodes in an array on an available surface to reach maximum current. This task 

has to be done prudently as the spacing between each of the electrodes or the number 

density in the array is a crucial factor to ensure independent diffusion regimes to 

each of the electrodes in the array (Fig. 1.20). If this number of density is exceeded, 

capacitive, resistive and diffusive interferences may occur and there is a possibility 
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that the diffuse parts of their electrical double layers might overlap thus the whole 

assembly may behave as a single large electrode. The most widely reported designs 

of microelectrode arrays are either microdisc array or microband array. 

 

 

Figure 1.20: Diffusion profile for micro- and nanoelectrode arrays or ensembles.                  

(a) individual diffusion regimes to each electrode of the array; (b) overlapping 

diffusion regimes 

 

Microdisc Array 

Microdisc electrode arrays retain all the advantages of individual microelectrodes, 

such as low capacitive currents and steady-state current [71]. The disc arrays are 

usually arranged in either hexagonal or a cubic manner (Fig. 1.21). Of this two, the 

hexagonal closed packed arrangement is favoured because of its high packing 

density of microdiscs within a given area [72].  

 

Figure 1.21: Regular arrangement of microdisc electrode array: (a) hexagonal; and 

(b) cubic. d is inter electrode distance. 
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Microband Array 

Microband array also has becoming an interest in microelectrode array sensing 

application as its current responses are similar to the microhemicylinder electrodes 

and the currents at microband electrodes scale directly with the length [73]. The 

interdigitated microband arrays for instance, are often used in redox cycling 

experiments [74].   

Based on the size and geometry of the microelectrodes array, Davies & Compton had 

outlined four categories of diffusion profiles [72], as illustrated in Fig. 1.22, and 

Table 1.5 summarizes the cyclic and linear sweep voltammetric characteristics 

associated with each category. 

 

 

Figure 1.22: Schematic diagram of the four categories a diffusion profile may 

belong to for an array of microelectrodes. 
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Table 1.5 Linear sweep and cyclic voltammetry characteristics associated with the 

four categories in Fig. 1.22, where δ is the size of the diffusion zone, Rb is the 

microdisc radius, d is the centre-to-centre separation, Ip is the peak current,  Ilim is the 

limiting current and v is the scan rate. 

Property Category 

1 2 3 4 

δ vs.  Rb δ <Rb δ >Rb δ >Rb δ >Rb 

δ vs.  d δ <d δ <d δ >d δ >>d 

Type of 

response 

Clear peak, Ip Steady state, Ilim Slight peak to 

clear peak, Ip 

Clear 

peak, Ip 

Scan rate 

dependence 

Yes No Yes Yes 

Current 

dependence 

Ip   v
0.5

 Ilim   Rb - Ip   v
0.5

 

 

 

1.3.5 Fabrication of Micro- and Nanoelectrodes 

In terms of microelectrode arrays fabrication techniques, Huang et al. (2009) [75] 

has described mainly five techniques which include: i) assembly techniques (e.g. 

random assemblies of micro-wires [67]); ii) photolithography (thin film fabrication 

by the deposition of metallic film, namely Ag, Pt, Au and Ir, on Si3N4 or silicon 

oxides layer [76-78]); iii) screen-printing technique (for mass production and 

cheaper regular disc arrays [71]); iv) direct electrodeposition; and v) modification of 

the microelectrode array (molecular modification on the array surface, hydrophobic 

block, patterned electrodeposition, and pattern-based carbon nanotube/nanofiber 

microarrays). Apart from that, other techniques reported are the focused ion beam 
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milling for the fabrication of recessed nanoband electrodes [70]
 
and nanopore array 

electrodes [79], reactive-ion etching [80] and CMOS [81]. 

Among all the techniques, the photolithographic techniques are a very convenient 

method to produce microdisc arrays with well-defined electrode dimensions and 

spacings and are a common approach to the fabrication of microdisc array [82, 83]. 

Besides that, they also are able for mass fabrication production at reasonable cost. 

Photolithography technique is described in detail in Section 1.4. Unfortunately 

photolithographic fabrication techniques generally produce arrays of microelectrodes 

which are recessed rather than inlaid and this ultimately leads to a slight reduction in 

the observed steady state current [82]. 

 

1.3.6 Micro- and Nanoelectrode Applications 

Due to their small sizes and superior behaviors, microelectrodes have lend 

themselves well in in vivo measurements applications where only small sample 

volumes required and low depletion of target molecules [64]. Microelectrode arrays 

has created an opportunity for the integration of living, biological systems into lab-

on-chip devices which are very important for both in vitro and in vivo biological 

applications such as enzyme-linked assays [84] and the detection of many other 

biomolecules. For instance, Parker et al. have investigated the application of gold 

microelectrode array based immunosensor for detecting aflatoxin M1 in milk [11] 

and Moujahid et al. use microelectrode array to detect pollutants in seawater [85]. A 

nanoarray membrane sensor has been developed by a group of Singaporean 

researcher for sensing of water pollutants [86]. Another application of 

microelectrodes that have attracted researchers’ interest is their ability to be used in 

resistive (organic solvent) media [66, 87-95] or in a two-electrode system, rather 

than the conventional three-electrode system configuration. 

 

1.4 Microfabrication Techniques for Biosensor 

Microfabrication of micro  and nanoelectrode transducers refer to the fabrication of 

devices with at least some of their dimensions in the micrometer range [26]. These 
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terms are also occasionally referred as micromachining and micromanufacturing. 

Using tools originally developed for the silicon integrated circuit (IC) industry, 

people are now fabricating miniaturized transducers from silicon and other materials 

[4] to be used in various biosensor application such as environmental monitoring 

[96, 97], food safety [98]and medical [99]. The substrates used in microfabrication 

for biosensor application varied from silicon, glass, polymer and ceramics. 

 

1.4.1 Substrate Materials 

Silicon 

Silicon is the most common material in microfabrication. It comes in a single-crystal 

wafer form (Fig. 1.23), with typical diameters of 75–200 mm and thicknesses of 

0.25–1.0 mm. In addition to its excellent electrical properties, silicon also has 

outstanding mechanical properties, enabling the design of micromechanical 

structures [100]. It is also the most common substrate material for microfabricated 

chemical and biosensors. However for biological or medical microsystems, silicon 

may not be the material of choice as it is not optically transparent hence preventing 

the use of transmission microscopy besides the large cost for disposable devices 

purposes [101]. 

 

 

Figure 1.23: Types of silicon wafer. Wafers are typically marked with “flats” to 

indicate the orientation of certain crystal planes. Taken from Ref. [4]. 
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Glass 

The use of glass is less extensive compared to silicon in microfabrication, 

nevertheless glass exhibit attractive electrical and optical properties. Particularly 

glass has very high resistivity that decreases parasitic capacitance of the device.   

Since glass is transparent for visible light, it is particularly suited for devices with 

optical detection. Like silicon, glass is also supplied in wafer form and is available in 

different compositions (e.g., quartz, fused silica and borosilicate glass wafers). 

Another interesting features regarding glass substrate is that glasses are chemically 

inert and suitable for high-temperature applications. However the fragility of the 

glass may be posed difficulties in handling and dicing the wafers. 

Other Materials 

Apart from silicon and glass, polymers and ceramics are also employed as substrates 

in micromachining. Polymers particularly, are cheap and relatively easy to process. 

Disposable devices, such as microfluidic arrays or microstructured immuno or DNA 

assays, are often based on polymers (e.g. poly(dimethylsolixane) or PDMS) owing to 

its low cost production [102]. The PDMS use together with the SU8 resist is well-

established materials for the microfluidics fabrication with soft lithography approach 

(e.g. micro-contact printing) [103, 104].Ceramics (e.g. alumina, Al2O3) also have 

been used extensively as substrate for hybrid microelectronics and are common in 

microelectronics packaging [105]. Unfortunately electrochemical transducers on 

polymer substrate still cannot be compared with those produced on silicon and glass. 

Ceramic transducers for instance are expensive, thus this type of the transducers are 

not widely used in biosensing.    

This miniaturisation technology in fabricating electrochemical transducer (electrode) 

has advantages such as increasing the sensor performance and reliability with a 

reduced cost as devices are normally fabricated in large batches [4, 101, 105]. In the 

biosensor area particularly, microfabrication lends itself well as it produces small 

size devices that are suitable for biosensor system miniaturisation besides having 

high surface-area-to-volume ratios that are compatible for integration with 

electronics, high throughput, small sample volume needed and geometrical control of 

the devices. The disadvantages are on the other hand,  is that the whole fabrication 
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process may consume long time, depending on the complexity of the system [101]. 

Table 1.6 below shows several examples of the microfabrication processes and how 

the techniques could be applied in the fabrication of the microchemical biosensors’ 

components. 

 

Table 1.6 Table of example processes used in microfabrication and their application 

in biosensor’s component fabrication. Taken and adapted from Ref.  [4] and [97]. 

Process Type Example Application to 

biosensor’s 

components 

Lithography Photolithography, screen printing, 

electron-beam lithography, x-ray 

lithography 

Electrode pattern, 

electrode layer pattern 

Thin-Film 

Deposition 

Chemical vapor deposition (CVD), 

plasma-enhanced chemical vapor 

deposition (PECVD), sputtering, 

evaporation, spin-on application, 

plasma spraying etc. 

Insulation 

Etching Plasma etching, reactive-ion 

enhanced (RIE) etching, deep 

reactive ion etching (DRIE), wet 

chemical etching, electrochemical 

etching etc. 

Container, flow cell, 

liquid junction, needle 

structure 

 

The other two major types of processing terms are subtractive and additive. 

Subtractive process refers to processes such as etching, laser machining, mechanical 

milling etc.; while additive refers to deposition of dielectrics, metals etc. Basic 

microfabrication techniques used in IC fabrication is shown in Fig. 1.24. A thin 

layer, such as an insulating silicon dioxide film, is deposited on a substrate. A light-

sensitive photoresist layer is then deposited on top and patterned using 

photolithography. Finally, the pattern is transferred from the photoresist layer to the 
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silicon dioxide layer by an etching process. After removing the remaining 

photoresist, the next layer is deposited and structured. Doping of a semiconductor 

material by ion implantation can be done directly after photolithography or after 

patterning an implantation mask (e.g., a patterned (sacrificial) silicon dioxide layer). 

 

Figure 1.24: Flow diagram of an IC fabrication process using the four basic 

microfabrication techniques: deposition, photolithography, etching and doping. 

Taken from Ref. [105]. 

 

1.4.2 Photolithography 

The most widely used form of lithography is photolithography. This is the most 

common technique in fabricating microelectrodes. Photolithographic techniques 

have made possible the fabrication of microelectrodes with controlled dimensions.  

In photolithography, a pattern is transferred to a photosensitive polymer (a 

photoresist) by exposure to a light source (UV light) through an optical mask. The 

optical mask usually consists of opaque patterns (usually chrome or iron oxide) on a 

transparent support (usually quartz) used to define features on a wafer [103].  The 

photoresist can have either a positive or negative polarity (Fig. 1.25) and commonly 

applied to the substrate by spin coating. The photoresist thickness depends on the 
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photoresist’s viscosity, the speed and time duration of the spin. Longer time duration 

will produce thinner photoresist layer. A common step before spinning on a resist 

with Si as a substrate is to grow a thin layer of oxide on the wafer surface by heating 

it between 900-1150°C in steam or in a humidified oxygen stream. Dry oxygen also 

can be employed but wet oxygen and steam produce faster results. The oxide can 

serve as a mask for a subsequent wet etch or boron implant [26]. 

The UV light exposure changes the photoresist’s chemical resistance to the 

developer solution. The photoresist is developed in wet chemicals in order to remove 

the soluble parts to form the desired pattern and then baked to drive off the excess 

solvent. The pattern in the photoresist is then transferred to the underlying substrate 

by subtractive (etching) or additive (deposition) techniques.  

 

Figure 1.25: The photolithography process with negative and positive photoresist.  

 

A good quality pattern requires careful control of the UV exposure and development 

conditions. If there is insufficient light energy reaching the photoresist, the chemical 

reaction is incomplete and thus the photoresist is not completely soluble or fully 

polymerised. In this case, called under exposure, the pattern is only partially 

developed and the corners and edges, which receive slightly less light than the centre 

of the pattern, are poorly defined at the end of the process. On the opposite, when too 
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much light energy reaches the photoresist and the chemical reaction spreads outside 

the bounds of the exposed area, over exposure could take place. This is partially due 

to chemical transport within the photoresist, but is mostly caused by stray light 

reaching the masked area. This effect results in poor definition of the pattern formed 

in subsequent processing. The effects of developing solution also should be 

considered whereby underdeveloping can lead to residual photoresist in an exposed 

area. Other parameters such as baking time and length of UV exposure also should 

be considered in order to have a well-defined pattern and accurate thickness [104]. 

 

1.4.3 Thin-Film Growth/Deposition 

Thin films are used for a variety of different purposes in microstructures, such as for 

masking materials, structural materials, sacrificial materials  or as electrical devices 

[101]. The most common films are outlined below:  

Dielectrics  

Dielectric layers, predominantly silicon dioxide (SiO2) and silicon nitride (Si3N4), 

are used as insulating material, as mask material and for passivation. Thermal silicon 

dioxide is grown by placing a silicon substrate in a high-temperature (900–1200°C) 

oxidation furnace. Oxide growth by this approach is limited to ~1 μm because 

thicker layers take prohibitively long to grow. Thicker films (10–20 μm) can be 

obtained by chemical vapour deposition (CVD), however, they are not as robust as 

thermally grown oxide films. Silicon nitride layers, which are commonly used for 

device passivation, are deposited by CVD.  

Silicon 

Polycrystalline and amorphous silicon thin films, deposited by chemical-reaction-

driven processes, are frequently used as structural materials in microsystems. Highly 

doped polycrystalline silicon (polysilicon) is used as gate material for MOSFETs, as 

electrode and resistor material, for piezoresistive sensing structures, as 

thermoelectric material and for thermistors. Polysilicon microstructures released by 

sacrificial layer etching are also widely used in sensor applications. Polysilicon is 
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usually deposited in a low pressure CVD (LPCVD) process using silane (SiH) as 

gaseous precursor. 

Metals  

Metal layers are used for electrical interconnects, as electrode material, for resistive 

temperature sensors (thermistors), or as mirror surfaces. It can also be a surface for 

self-assembled monolayers for biological application [102]. Metals, such as 

aluminum, titanium, and tungsten, are routinely deposited by sputtering or by 

electron-beam evaporation. Depending on the application, a large number of other 

metals, including gold, palladium, platinum, silver, or alloys, can be deposited with 

physical vapour deposition (PVD) methods.  

Polymers  

Polymers (e.g. plastic) can be used as compliant mechanical structures, as thick 

structural layers for molding, or as chemically sensitive films. Polyimides and 

photoresist are commonly deposited by spin- or spray-coating. 

 

Biomolecules  

Deposition and patterning of biomolecules, most commonly proteins, are rather 

important in biological applications of microfabrication. Three methods to 

accomplish this have been reported i.e. protein adsorption, biomolecular patterning 

via photochemistryand self-assembly monolayers [101].  

 

1.4.4 Etching 

Etching consists of removing material away from the defined patterns. Etching is 

categorised as a subtractive process; and can be divided into wet or dry etching. 

Either method can lead to isotropic or anisotropic etching. Isotropic etching etches in 

all directions equally; leading to mask undercutting and a rounded etch profile (Fig. 

1.26). Anisotropic etching is one-directional and etching hits straight down to 

bottom. Dry etching is often anisotropic, resulting in a better pattern transfer. 
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Figure 1.26: Schematic of anisotropic and isotropic thin-film etching. Taken from 

Ref. [105]. 

 

Wet Etching 

Wet etching requires immersion of substrate in a solution containing chemicals 

which react with the material that it is not protected. The main advantages of wet 

etching are the low cost and high etching rate that provides better selectivity for the 

materials to be etched. The disadvantages of wet etching are the liquid chemical 

waste handling and contamination. Wet etching can be divided into three types: 

i) Oxide etching - oxide is etched with hydrofluoric acid (HF) solution. 

HF dip is selective towards photoresist, nitride and silicon. It 

produces isotropic etching 

ii) Nitride etching - phosphoric acid (H3PO4) is used in nitride etching. 

This is selective towards silicon and oxide; and produces isotropic 

etching 

iii) Silicon etching - potassium hydroxide (KOH) is used. KOH is 

selective towards oxide and nitride with etching characteristics being 

dependent on silicon’s crystal orientation. 

 

Dry Etching 

As the name implies, dry etching does not involve any wet chemical and instead it 

relies on glow discharge and ion beam. Fig. 1.27 is presented to give a clear layout 

on the dry etching techniques. 
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Figure 1.27: Dry etching techniques based on glow discharge (plasma) and ion 

beam. 

 

i) Plasma etching – involves chemical reaction where reactive gas, 

fluorine (F) is used. Si will be removed and SiF4 reaction product 

which is volatile will desorb from the surface. This chemical etching 

occurs in all directions and isotropic behaviours.  

ii) Reactive ion etching (RIE) - consists of chemical and physical 

process. In an RIE system, reactive ions generated in plasma are 

accelerated toward the surface to be etched, thus providing directional 

etching (anisotropic) characteristics.  

iii) Sputter etching - only physical action without any chemical reaction 

involved where an inert gas with high energy (Ar) is used. Ions being 

accelerated physically break atoms loose from the surface. Ions hit in 

straight direction and do not impact on the sidewalls hence exhibiting 

anisotropic characteristics.  

iv) Ion beam - the ion beam etching (IBE) is a physical dry etch process. 

Ar ions are radiated onto the surface as an ion beam. The etching is 

anisotropic however the selectivity is low because there is no 

differentiation of the individual layers. Almost every material can be 

etched with this method. Due to the low selectivity and the low etch 

rate, this process is less favoured.  

Dry Etching 

Glow discharge 

Plasma-assisted 
etching 

(i) Plasma etching (ii) Reactive Ion Etching (RIE) 

 

(iii) Sputter etching 

 

(iv) Ion beam 
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The comparison of the both wet and dry etching processes are summarized in     

Table 1.7. Based on the comparison, RIE exhibits the most superior etching results. 

 

Table 1.7 Comparison between wet etching and dry etching (plasma etching,               

physical sputter and RIE) 

 Wet 

etching 

Plasma 

etching 

Physical sputter RIE 

Critical 

dimension 

control 

Not good 

(isotropic) 

Not good 

(isotropic) 

Good 

(aniosotropic) 

Good 

(anisotropic) 

Selectivity (etch 

rate) 

Good Good Not good Good 

Throughput 

(amount of 

wafers 

processed in a 

given time) 

Good Good Not good Good 

 

 

1.4.5 Electron-Beam Lithography 

Electron-beam lithography (EBL) or commonly addressed as ‘e-beam’ is a 

lithography based on charged-particle beams. Another lithography technique in this 

class is the ion-beam lithography. In e-beam, the mask fabrication process is 

significantly simpler as it employs a direct write system or a software mask. In direct 

write systems, the computer-stored pattern is directly converted to address the 

writing particle beam, enabling the pattern to be exposed sequentially, point by 

point, over the whole wafer. E-beam lithography involves high current density in 

narrow electron beams whereby the smaller the beam sizes, the better the resolution 

but more time will be needed to write the pattern [26].  

E-beam lithography is usually applied in the nanoscale lithography as it is a high-

resolution patterning technique. In comparison with photolithography technique that 
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has line-widths of 2-3 μm visible photons, e-beam’s line-widths are 0.1 μm. E-beam 

also exhibits several interesting and attractive features as opposed to 

photolithography, which include: 

i) precise control of the energy and dose  

ii) imaging of electrons to form a small point of <100 Å 

(photolithography produces spot of 5000 Å) 

iii) no physical mask needed 

iv) able to register accurately over small areas of a wafer 

v) lower defect densities 

In spite of such precision, among the disadvantages of e-beam lithography are: 

i) fast electron scattering thus limiting the practical resolution to 

dimension greater than 10 nm 

ii) involve apparatus that is more complex than photolithography as 

the charged particles (electrons) need to be held in vacuum instead 

iii) slow exposure speed as an electron beam need to be scanned 

across entire wafer (e.g. 4 inch wafer requires approximately 1 

hour for scanning) 

iv) high system cost 

Due to such limitations, e-beam technique is used only for specialised applications 

with small batches of customs ICs. Similar in photolithography, writing an e-beam 

also can be additive or subtractive.  

More comprehensive reading and information on the microfabrication processes 

could be found in several textbooks [4, 26, 106]. 

 

1.5   Electrodes Biofunctionalisation    

After selecting the desired transducer with the suitable electrochemical technique in 

biosensor system, the next crucial part is to establish a biocompatible layer 

responsible for the recognition of the analyte of interest. The interaction can also 

happen in a free solution system but normally the immobilisation of the biological 
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receptors at the transducer is preferred as this provide a more robust, stable and 

reproducible detection with lower detection limit. The principal methods of 

immobilisation mentioned previously in Section 1.1.2 could be employed but these 

conventional procedures have low reproducibility and poor spatially controlled 

deposition [107].  

By deliberately attaching or treating the chemical reagent on an electrode surface, 

the surface would take on the chemical properties of the attached reagents hence 

providing a higher selectivity to the analyte of interest [108]. Electrodes 

biofunctionalisation can be achieved by monolayer adsorption (e.g. self-assembled 

monoloyer), covalent modification (e.g. functionalising the metal oxide surfaces with 

amine group and organosilanes [109]), polymer modification (e.g. redox/ 

conducting/ electroactive polymers coating) and composite formation [110].  

The challenge of these biofunctionalised/modified electrodes is that they have to be 

durable enough and able to retain the activity of the biological receptors so that they 

do not denature easily and impair the chemical reaction activity. The successful 

applications of biofunctionalised electrodes in biosensor have been reported in 

various applications such as  in environmental i.e. detection of formaldehyde [111], 

phenol [112] and pesticides [113, 114], to name a few.  

 

1.5.1 Self-Assembled Monolayers 

Self-assembled monolayer (SAMs) is one of the most widely employed and reported 

technique for surface biofunctionalisation. It has been used in electroanalytical 

chemistry for almost 20 years now as the basis of electrochemical sensors [115]. 

Self-assembly monolayers are monomolecular layers that could be formed 

spontaneously by immersing a solid substrate into a solution containing adsorbate of 

interest in the solution (Fig. 1.28). The most common studied SAMs are alkanethiols 

for metal surfaces and silanes to modify silica surface.  
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Figure 1.28: SAMs formation on a substrate by simple immersion into a solution 

containing surface-active material. Taken from Ref. [116]. 

 

Thiols Modified Electrodes 

Thiols adsorb on electrode metal surfaces due to the high affinity between sulphur in 

the –SH terminal and the metal atom so forming a monolayer. The adsorption 

process is a fast one, involving cleavage of the S-H bond whereby it was implied that 

the sulfur atom of the thiols donates electron to the metal surface. This transfer of 

charge induces the proton of the SH group to hydrogen (Fig. 1.29). Such a 

mechanism has been confirmed by open-circuit potential (OCP) studies [117, 118]. It 

was found that thiol adsorption results in a drop of the OCP indicating that a 

negative charge is transferred from the thiol to the electrode surface.  

 

Figure 1.29: Proposed mechanism for the adsorption of thiols onto a metal surface. 

Taken from Ref. [117] 
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Thiols SAMs on electrodes are formed with a long alkyl chain (usually more than    

8 CH2 groups). When being left at longer hours, they are able to produce a highly 

ordered, orientated and packed structure. Long-chain alkanethiols has proven to form 

a very well ordered surface coverage with less defect and a higher electron transfer 

resistance [115, 119, 120]. The concentration of alkanethiols being used in SAMs 

formation normally vary from 1-10 mM, however SAM formation using a dilute 

solution gives ordered monolayers whereas a high concentration and longer time 

incubation (up to 6 days) favor multilayer formation [121]. A better formation of the 

SAMs could be formed by submerging the cleaned electrodes overnight in deaerated 

(N2 purging) thiol solutions [122].  The use of mixed SAMs also has been reported, 

particularly in microelectrodes. For instance, Ionescu and co-workers (2011) have 

formed a mixed monolayer from 11-mercaptoundecanoic acid (11-MUA) and         

2-mercaptoethanol (2-ME) with a ratio 1:5 on gold interdigitated electrodes as the 

use of 11-MUA alone leads to a dense monolayer. Thus by adding 2-ME, the short 

thiols act as spacers in monolayers and improve charge transfer at the working 

electrode [123]. 

In electrochemical biosensor detection, different functionalisations techniques are 

used to couple biological recognition elements. For example, carboxyl groups often 

serve for antibody immobilization; esters form amine couplings and biotin coupling 

can be used to bind streptavidin and further biotin functionalized biomolecules [124]. 

In electrochemical applications it is essential that the SAM allows electron or analyte 

diffusion. Although the most widely used electrode metals for thiol-based SAMs 

measurements are gold and silver, the formation of SAMs on other metals such as 

nickel, copper, palladium, mercury, platinum and ITO also have been investigated 

[125]. In fact, SAMs on palladium surface have been proven to work better for 

microcontact printing [126-128].   

Electrodes biofunctionalisation for enzymes immobilisation (hence enzyme 

elecrodes) with SAMs techniques as models for glucose biosensor detection have 

been demonstrated by numerous researchers such as Creager & Olsen (1995) [129], 

Riklin & Willner (1995) [130], Jiang & co-workers (1995) [131] and Rubin & co-

workers (1996) [132]. The application of SAMs for the immobilisation of 
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cytochrome C [133], DNA [134-136] and antibodies [122, 137] were also reported 

successful.  

The simplest and effective method to monitor the structure and composition of 

monolayer is contact angle measurement [138]. In order to assess the rate of electron 

transfer of redox-activated SAMs on the other hand, various electrochemical 

methods are employed namely cyclic voltammetry, AC voltammetry, 

chronoamperometry [125] and recently the electrochemical impedance spectroscopy 

technique are the most favorable [139]. 

 

Silanes Modified Electrodes 

Another approach of SAM in hydroxyl-terminated surfaces (e.g. glass and oxidized 

silicon wafers) is the organosilane. The most profound organosilane used in surface 

modification is the (aminopropy1)-triethoxysilane (abbreviated as APTES)         

(Fig. 1.30). Its diverse applications include the field of organic chemistry (silica 

surfaces treated with this aminosilane are used as catalysts), analytical chemistry 

area (HPLC separation) [140] and biological chemistry. With regard to the latter, 

silica/metallic/polymeric substrates treated with APTES have been utilized for the 

immobilization of biomolecules such as enzymes, antibodies and DNA [140, 141] 

for the development of microarray and lab-on-chip [142].  

 

 

Figure 1.30: (a) Chemical structure of APTES (b) A schematic representation of the 

functionalization of silicon surfaces and immobilisation of peptides (LP1) using 

APTES with the aid of EDC-NHS cross-linker. Taken from [143]. 

(a)

(b)
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Although initially intended on silica surface, the use of APTES has been ventured on 

gold electrode surface in biosensor application and proven successful in 

immobilizing antibodies [98, 144]. 

 

1.5.2 Conducting Electroactive Polymers 

Various types of polymers have been employed in immobilization procedures which 

include hydrogel polymers comprising acrylate or poly (ethylene glycol) films    

[145-147] and electrogenerated polymer (also known as conducting electroactive 

polymers) [29, 148]. The major advantage of the latter polymer film is that 

electrochemical deposition allows precise and controllable formation of the polymer 

coating over the electrode surface. Unlike SAM, which is bounded only to gold 

electrode surface, the electrochemical formation of both conducting and non-

conducting polymers can be performed over a wider range of electrode materials 

(platinum, gold, glassy carbon, ITO, etc.) and the electrogenerated polymers are 

stable in organic solvents. Due to the low cost and its easy production, 

electrogenerated polymer films are favourable for the modification of the 

transduction part in the electrochemical biosensors and biochips design.   

Polyaniline, polypyrrole, polythiophene, polyphenol and polyacetylene are among 

the conducting polymers used in biosensor for biomolecule immobilisation         

(Fig. 1.31). Polypyrroles are formed under mildly oxidatives conditions from 

aqueous media. The mild conditions used for polymerisations are thus ideal for the 

immobilisation most of the biological elements from enzymes to whole living cells. 

Polyanilines can be formed under similar conditions require the addition of acid 

whereas polythiophenes require a more extensive oxidation potential while the 

monomers are not soluble in water.  
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Figure 1.31: Structures of electrogenerated polymer films used for biomolecule 

immobilisation. 

 

The most widely reported immobilisation procedure for the biological elements on 

the conducting polymers is via the entrapment or attachment to the electrochemically 

polymerized films [107]. The polymer formation is carried out by controlled 

potential electrolysis of an aqueous solution containing monomers and biomolecules. 

In this particular procedure, polypyrrole is the most favourable polymer film owing 

to its applications’ versatility and stability. Biomolecules entrapment in polypyrrole 

also has been applied to a single microelectrode [149, 150]. Various enzymes [107, 

151, 152], coenzymes [150], antibodies [153-155] and cells [156] have been 

successfully entrapped on conducting polymers. Several efforts also have been 

reported in improving the biocompatibility property of the electrogenerated polymers 

in order to preserve the structure of the immobilised protein thus retaining its 

biological activity. As the nature of the organic polymers is hydrophobic, 

hydrophilic additives can be added or by introducing functional groups within these 

films to preserve the hydration layer of proteins into the polymer chains.  

Biomolecules also can be immobilised on the electrogenerated polymers via 

chemical linkage. This is achieved by electropolymerisation of functionalised 

biomolecules or chemical grafting of biomolecules on the film. This particular 

method would suit the DNA or oligonucleotides immobilisation the most as this 

approach provide a better access to the immobilized biomolecules and facilitates 

macromolecular interactions. The immobilisation of anti-West Nile Virus antibody 
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also has been successfully reported by photochemical grafting the bacteriophage on 

the copolymer [157]. 

For biomolecules that require specific orientation, a regioselective grafting of the 

biomolecule attachment by affinity interactions with functionalized polymers films 

can be conducted. The protein affinity binding at functionalized polymeric films can 

be achieved by employing transition metal (namely Ni, Cu) and nitrilotriacetic acid 

(NTA) ligand complex prior immobilising the histidine-tagged enzymes or proteins 

for biosensor detection (Fig. 1.32) [158]. The biotinylated polymer films using 

avidin-biotin linkage strategy also presents a variety of specific advantages over 

other immobilization techniques. The avidin-biotin immobilisation method able to 

maintain biomolecule activity more successfully than other regularly used methods 

due to the specific and high-affinity interaction. The drawback of both chemical 

grafting or by affinity of the biomolecule at the functional group, however is that the 

amount of immobilized biomolecules is restricted to a monolayer at the interface 

polymer-solution. Such limitation hence hindered its further application in micro- 

and nanoelectrodes.  Another major drawback from the conducting electroactive 

polymers approach on microfabricated electrode array as highlighted by Wallace and 

co-workers (1995) is that it induces the lifting of the insulating photoresist layer 

hence destructing the metal layer of the working electrode [148]. 

 

 

Figure 1.32: Schematic representation of the reversible immobilization of histidine-

tagged biomolecules to an electrogenerated poly(pyrrole)-NTA film on a 5 mm Pt 

electrode as carried out by Cosnier and co-workers [158]. 
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1.5.3 Sol-gel Silica Films 

Among any other chemically modified electrodes, silica-modified electrodes, 

particularly sol-gel are gaining increasing attention. The reasons behind this include 

the compatibility of the precursors to be activated at room temperature and the 

ability of sol-gel to encapsulate or immobilise enzymes of interest without impairing 

their activities [28].  Braun et al. were the first ones to report about successful 

enzyme entrapment in a sol-gel matrix [159]. Since then, sol-gel encapsulation has 

opened up a new way to immobilize an array of biological materials including 

catalytic antibodies, DNA, RNA, antigens, live bacterial, fungal, plant and animal 

cells and even whole protozoa [160] and been widely reported in biosensor [161-

164] 

Sol-gel material is formed via partial or complete hydrolysis of a suitable precursor, 

usually silanes, mixed with biomolecules, followed by the gelation and aging steps. 

Aging strengthens the network and the drying process simultaneously leads to 

shrinkage. The strategies to confine the nonconductive silica-based materials on 

electrode surfaces were mostly directed to either the preparation of bulk composite 

carbon electrodes (powdered materials dispersed in carbon paste or sol-gel derived 

ceramic-carbon composites) or their deposition as thin films on solid electrode 

substrates. The latter approach is a straightforward film formation, achieved by spin-

coating or dip-coating and produced film thickness varying between 100 nm to a few 

microns. However the disadvantage of this technique is that it can be applied to a flat 

surface and the films are deposited unselectively on both conducting and insulating 

parts of the substrate/electrode [165].  

Under this circumstance, the novel sol-gel electrodeposition approach lends itself 

well in forming the sol-gel film selectively on the desired surface (working 

electrode) without smearing the edges or insulating parts. In comparison with the 

conventional dip-coat sol-gel fabrication technique, electrodeposited or electro-

assisted self-assembled (EASA) of sol-gels offers more tunable and controlled sol-

gel deposition on an electrode surface. By applying galvanostatic conditions and 

varying the deposition time, thickness of the films can be accurately controlled and 

problems with overpotential can be eliminated [166].  
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1.5.4 Electrodes Functionalised with Carbon Materials 

Carbon nanomaterials have attracted considerable attention in electrochemical 

biosensors owing to their outstanding physical properties and remarkable 

conductivities [167]. Carbon nanotube modified electrodes (CNTs) for instance, 

have advantages in terms of their high surface area, mechanical strength, excellent 

electrical conductivity and good chemical stability. They are especially interesting 

because enzymes can be entrapped in the inner cavity. Single-walled carbon 

nanotubes (SWCNT) functionalised with biotin for the immobilisation of glucose 

oxidase has been carried out on microelectrode array on a silicon chip [168].  

When mentioning CNT and carbon allotropes, it would be fair as well to include 

graphene (Fig. 1.33). Since the graphene breakthrough by a group of Manchester 

researcher headed by Andre Geim back in 2004 [169], there has been a booming 

interest in graphene research area. These include graphene synthesis and the 

challenge to produce them in large quantity scale with nanosheets diameter size. 

Graphene is favoured over carbon nanotubes as it can be obtained easily by chemical 

conversion of the inexpensive graphite and for its outstanding electrical and 

mechanical properties [170]. This unique nanostructure material has high surface 

area, excellent electrical conductivity and carbon mobility at room temperature, 

robust mechanical properties and flexibility. Its vast application includes 

optoelectronic devices, supercapacitors, gas sensors, pH sensors, chemical sensors, 

biosensors and nanocomposites.  

In electrochemical biosensors, graphene modified electrodes (mostly with glassy 

carbon electrodes) have been successfully applied to sense some biological and 

organic molecules such as DNA  [172, 173], glucose oxidase [174, 175], IgG [176, 

177], NADH, hydrogen peroxide, paracetamol [178], dopamine [179], ascorbic acid 

and serotonin hormone, to name a few. 
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Figure 1.33: Graphene is a 2D building block for carbon-based materials. It can be 

wrapped up into 0D buckyballs, rolled into 1D nanotubes or stacked into 3D 

graphite. Taken from Ref [171]. 

 

1.6 Conclusion and Objectives of The Study 

From this literature review on electrochemical biosensor, microelectrode fabrication 

process and the electrode surface functionalisation for biosensing, we learnt that:  

i. The biosensors have significant interest in research and market related to 

highly commercial applications in clinical diagnostics, food, environmental 

and security fields. 

ii. Electrochemically based biosensors transducers in comparison with other 

types of biosensors have the virtue of compatibility with modern 

microfabrication technologies. The simplicity of electrochemical 

instrumentation, low fabrication cost of the electrodes, the ability to achieve 

low detection limit besides maintaining consistency with label free detection 

approach are among the advantages that make this technique very attractive 

for practical and commercial life-sciences applications. 

iii. Cutting-edge electrochemical transducers with electrode dimension 

advancing from macro to micro and nano scale, in combination of the 

electrodes assembled in an array, allow improvement of the biosensors 

parameter in terms of sensitivity and detection limit. With this regard, only 

a small volume of a sample will be required for sensing purpose.  
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iv. Additional improvements of transducer electrochemical performance can be 

achieved by additional modification or treatment of the electrode surface i.e. 

deposition of additional films as graphene, conducting polymers etc. and 

endow the surface structure with additional roughness. Both of these 

approaches also have interest from the biosensing applications as they 

provide additional sites for biomolecule attachment in the process of 

biomodification        

v. Plane/flat micro and nanoelectrodes have certain advantages over other 

electrodes dimension (e.g. nanowire, microfibre). They are easier to 

fabricate and their surface biofunctionalisation is more feasible to conduct 

in reproducible manner.  

vi. Surface functionalisation enables researchers to enhance both sensitivity and 

selectivity of the electrode surface in biosensing. Biofunctionalisation at 

microelectrode array is still at its infancy stage and requires detailed study 

as not all the immobilisation at macro dimension will suit the 

microelectrodes since microelectrodes are more susceptible to noise and 

organic chemical traces.    

vii. Surface biofunctionalisation on microelectrode array could be achieved by 

electrodeposition technique that is selective to the metal/surface of interest 

without smearing the passivation tracks/area in comparison with the 

conventional dip-coating method. 

 

Based on these outcomes, the objectives for this thesis study can be formulated as 

follows: 

i. To design, fabricate and characterise microelectrode arrays with different 

substrates (silicon and glass), geometries (disc and band), dimensions 

(spanning from micro to nano) that can be used in biosensor. 

ii. To investigate different chemical modifications techniques enhancing 

electrochemical activity that can be conducted on the microelectrode array 

for further biological applications. 

iii. To design, fabricate and characterise an on-chip electrochemical cell with 

different geometries (disc and band) and parameters (number of electrodes 
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and disc interspacing distance) that can be used as a transducer platform for 

biosensing application. 

iv. To study surface biofunctionalisation on gold substrate for the 

immobilisation of biological elements namely Histidine-tagged protein and 

antibody. 

v. To apply the obtained results on development on gold microelectrode array 

transducers and surface biofunctionalisation methods to the development of 

mycotoxin T-2 toxin biosensor 
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CHAPTER 2 

EXPERIMENTAL PROCEDURES 

_________________________________________ 
 

2.1 Chemicals and Biological Reagents 

All reagents used in this thesis are listed below (Table 2.1) in alphabetical order and 

of analytical grade (95% at least). They were used without further purification. All 

solutions were prepared using nano pure water with a resistivity of 18.2 MΩ cm 

from ELGA Ltd. System Maxima UltraPure Water (UK). 

Table 2.1 Chemical/ biological reagents and suppliers 

Chemical/Biological Reagent Supplier CAS 

number 

Acetate buffer solution pH 4.6 Fluka - 

Acetone Sigma-Aldrich 67-64-1 

Albumin, from bovine serum (BSA) Sigma 9048-46-8 

(3-Aminopropyl)triethoxysilane 

(APTES) 

Sigma-Aldrich 919-30-2 

Anti-Mouse IgG-FITC Sigma - 

Boric acid Sigma 10043-35-3 

Bromoacetic acid reagent grade, 97% Aldrich 79-08-3 

Copper acetate Aldrich 142-71-2 

Dextran 500 (technical grade) SERVA Electrophoresis 

GmbH 

9004-54-0 

1,2-Dichloroethane (DCE) Sigma-Aldrich 107-06-2 

Diethanolamine Aldrich 111-42-2 

Diethylene glycol dimethyl ether 

anhydrous (Diglyme) 

Sigma-Aldrich 111-96-6 



 

78 
 

Table 2.1 (continued) 

Chemical/Biological Reagent Supplier CAS number 

N-(3-Dimethylaminopropyl)-N’-

ethylcarbodiimide hydrochloride (EDC) 

Sigma-Aldrich 25952-53-8 

4-(Dimethylamino)pyridine Aldrich 1122-58-3 

Dimethylformamide (DMF) Acros 68-12-2 

N,N′-Disuccinimidyl carbonate ≥95% 

(DSC) 

Aldrich 74124-79-1 

(±)-Epichlorohydrin purum, ≥99% (GC) Fluka 106-89-8 

Ethanol Sigma-Aldrich 64-17-5 

Ethanolamine chloride (99.0%) Sigma-Aldrich 2002-24-6 

Ferrocenecarboxylic acid (FCA) Fluka 1271-42-7 

Ferrocenemethanol  Aldrich 1273-86-5 

(3-Glycidyloxypropyl)trimethoxysilane 

(GOPTS) 

Aldrich 2530-83-8 

Hexadecyltrimethyl ammonium bromide 

(Cetrimonium bromide, CTAB) 

Sigma 57-09-0 

Hydrochloric acid (37%) Sigma-Aldrich 7647-01-0 

Hydrogen peroxide solution (30%) Sigma-Aldrich 7722-84-1 

N-Hydroxy-succinimide (NHS) Aldrich 6066-82-6 

IgG from mouse serum Sigma - 

Isopropyl alcohol VLSI 67-63-0 

16-Mercaptodexadecan-1-ol InoChem 114896-32-1 

(3-Mercaptopropyl)trimethoxysilane  Aldrich 4420-74-0 

11-Mercaptoundecanoic acid Aldrich 71310-21-9 

Methanol Sigma-Aldrich 67-56-1 

Nα,Nα-Bis(carboxymethyl)-L-lysine 

hydrate (N-(5-amino-1-carboxypentyl) 

iminodiacetic acid) (NTA) 

Aldrich 113231-05-3 

Penta-His
TM

 Alexa Fluor® 488 

Conjugate 

Qiagen GmbH - 

1,4-Phenylene diisothiocyanate (PDITC) Aldrich 4044-65-9 
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Table 2.1 (continued) 

Chemical/Biological Reagent Supplier CAS number 

Phosphate buffered saline (PBS) tablet Sigma-Aldrich - 

Phosphate buffer solution 50mM Fluka - 

Poly(ethylene glycol) bis(amine) Aldrich 24991-53-5 

Potassium chloride Fisher Scientific 7447-40-7 

Protein A (from Staphylococcus aureus) Sigma - 

Pyridine Sigma-Aldrich 110-86-1 

Sodium chloride Sigma-Aldrich 7647-14-5 

Sodium hydroxide Sigma-Aldrich 1310-73-2 

Sodium phosphate dibasic Sigma-Aldrich 7558-79-4 

Sodium phosphate monobasic Sigma-Aldrich 7558-80-7 

Sulfuric acid Sigma-Aldrich 7664-93-9 

Tetraethyl orthosilicate (TEOS) Aldrich  78-10-4 

Triethylamine ≥99% Sigma-Aldrich 121-44-8 

Veratox® T-2/HT-2 Toxin Quantitative 

Test Kit 

Neogen - 

 

2.2 Instrumentations 

A CH Instrument Potentiostat (CHI660B or CHI620B, IJ Cambria, Burry Port, 

Wales, UK) or an Autolab Potentiostat (PGSTAT302N, Metrohm, Switzerland) was 

either used to perform cyclic voltammetry experiment. Electrochemical impedance 

spectroscopy measurements were performed by the Autolab using Frequency 

Response Analyser (FRA) software. For cleaning the microelectrodes, a plasma 

cleaner (Harrick Plasma, New York, USA) was used. A high-resolution optical 

microscope (Olympus America Inc.) and scanning electron microscope (Quanta 650 

FEG, FEI, Oregon USA) were used for visual characterisation study. Atomic force 

microscopy (AFM) measurements were carried out with a Veeco MultiMode Atomic 

Force Microscopy (NY) using either a Pointprobe-PLUS
®
 Silicon-SPM-Sensor tip or 

SuperSharpSilicon
TM

-SPM-Sensor (Nanosensors™, Switzerland).  Contact angle 

measurement was performed using DataPhysics Contact Angle System OCA 

Instruments (Germany). Sonicator was from UltraWave, UK.  
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2.3 Microelectrode Cleaning Using Plasma Cleaner 

Prior carrying out any electrochemical measurements, it is a prerequisite to clean the 

microelectrodes in order to attain a clean surface and to remove any contaminants 

that may exist on the surface. The most widely employed methods for cleaning 

microelectrodes are the renowned piranha solution or electrochemical cleaning using 

sulfuric acid. Plasma cleaning method is an emerging alternative for cleaning silicon-

based microelectrodes. The following notes on the difference between cleaning 

macro and nanoelectrode should be taken into account.  

Standard recommendation for cleaning gold electrodes of macroscopic dimension 

includes two consecutive steps. The first step is a mechanical polishing using 

diamond paste or alumina powder in water suspension. The second step is an 

electrochemical cleaning by applying to the electrode potentiadynamic cycling over 

potential range 0 to +1.5 V (vs Ag/AgCl) in 0.1-0.5 M H2SO4 until repeatable 

voltammograms are obtained (usually 100-200 cycles). In the case of a 

microelectrode representing a thin film of gold on the substrate surface (usually 

silicon-based), mechanical polishing is not advisable as each polishing removes a 

few atoms layers of metal film which could lead to electrode damage. 

Electrochemical cleaning by applying potentiodynamic cycling can be used but in 

our experience, this treatment significantly reduces the lifetime of the electrodes.  

Under these circumstances, plasma cleaning offers a more feasible and furthermore 

practical way in cleaning microfabricated microelectrode. The oxygen plasma 

eliminates natural and technical oils; and grease at the nano-scale and reduces 

contamination better when compared with traditional wet cleaning methods      

(Table 2.2). Plasma cleaning enhances wettability or hydrophilicity property of a 

surface hence produces hydroxylated surface that are ready for bonding or further 

surface modification/functionalisation. 

Ultra-violet light generated in the plasma is very effective in breaking the organic 

bonds of surface contaminants (Fig. 2.1). This is followed by energetic oxygen 

species created in the plasma which react with organic contaminants to form water 

and carbon dioxide. Both wastes were removed from the chamber by continuous 

pumping. 
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Table 2.2 Comparison of plasma cleaning and wet chemical cleaning 

Plasma Cleaning Wet Chemical (solvent/aqueous) 

Cleaning 

Processes are precisely controllable 

through power, pressure, gas type and 

duration of time 

Processes are very sensitive to processing 

time and chemical concentrations 

No organic residues remain Organic residues may exist which may 

require further processing steps 

Wastes are harmless and always in 

gaseous form  

High volume of liquid waste that requires 

expensive treatment and subjected to 

regulations 

Most of the gases used have no 

toxicity 

Most of the solvents and acids used are 

extremely hazardous 

 

 

 

Figure 2.1: Schematic diagram on how plasma cleaning works. Adapted from [1]. 
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2.4 Electrochemical Measurements 

To conduct an electrochemical experiment, an electrochemical cell in which the 

electrochemical reactions take place, is required. The cell is then connected to a 

potentiostat, an electrochemical analyser that run the electroanalytical experiment, 

and placed in a Faraday cage. The Faraday cage usage is particularly important for 

microelectrode measurements as it helps to reduce electromagnetic noise that may 

interfere with the electrochemical measurement. The instrumentation system is 

connected to the computer via external interface.  

 

 

Figure 2.2: Experimental set-up for electrochemical experiment involving 

potentiostat and the Faraday cage. 

 

2.4.1 Electrochemical Cell 

In electrochemical experiments, the electrodes are the probes that come in immediate 

contact with the electrolyte. Electrochemical sensing usually requires a reference 

electrode (RE), a counter or auxiliary electrode (CE or AE) and a working electrode 

(WE), also known as the sensing or redox electrode. Depending on the 

electrochemical set-up and the type of electrodes, a three-electrode or two-electrode 

systems can be required. In the case of two-electrode system, the CE is merged with 

the RE and this configuration is often used when dealing with measurement of small 

currents [2, 3]. All the electrodes are immersed in a 20 mL beaker containing 

electrolyte (sample solution).  All of the RE, CE and WE electrodes should be both 

Potentiostat

Faraday cage

http://en.wikipedia.org/wiki/Electroanalytical_method
http://en.wikipedia.org/wiki/Analyte
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conductive and chemically stable. Therefore, platinum, gold, carbon (e.g. graphite) 

and silicon are commonly used as electrode materials  [4]. 

 

Reference Electrode 

The internationally accepted primary reference is the standard hydrogen electrode 

(SHE) or normal hydrogen electrode (NHE) but the most common and widely used 

is the saturated calomel electrode (SCE) and silver-silver chloride (Ag/AgCl) 

electrode. Potentials are often measured and quoted with respect to the reference 

electrode other than the NHE. For this study, the RE selected was the Ag|AgCl|KCl, 

3M KCl (CH Instruments, IJ Cambria, Burry Port, Wales, UK).  

Counter Electrode  

In order to minimize errors from the cell resistance when controlling the potential of 

the working electrode, the CE is used. This electrode is made of a chemically inert 

conducting material with a surface area significantly greater than the surface area of 

the working electrode. Platinum wire is the most commonly used counter electrode 

in voltammetry study. The counter electrode used in this study was a Pt wire, also 

from CH Instruments (IJ Cambria, Burry Port, Wales, UK). 

Working Electrode 

The working electrode serves as the transduction element in the biochemical 

reaction. Common working electrodes can be made of inert metals such as gold, 

silver or platinum, or inert carbon such as glassy carbon and mercury drop and film 

electrodes [5]. In recent decades, the WE size for electroanalysis has evolved from a 

commercial one (rod/probe-shaped like) with macro size to an in-house fabricated 

electrodes (screen printed, photolithography etc.) with micro- and nano dimensions 

(Fig. 2.3). The commercial WEs however are still relevant for standard procedure 

and measurement as they are very stable and reproducible.  
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Figure 2.3: Revolution of probe-shaped WE to a chip-liked WE. 

 

An example of the electrochemical set-up in this study is shown in Fig. 2.4. 

 

Figure 2.4: An example of electrochemical cell set-up in the study for the Autolab 

potentiostat. 

 

2.4.2 Microelectrode Array Fabrication 

The microelectrode array fabricated in this study is described accordingly as in 

Chapter 3 and 4. All microelectrode arrays were fabricated in-house by Tyndall 

National Institute’s Central Fabrication Facilities (CFF) (Fig. 2.5) by Mr. Dan 

O’Connell.  

Tyndall’s CFF consists of three distinct cleanroom spaces, 250m
2
 of class 1,000 and 

class 10 for silicon fabrication, 750m
2
 of class 10,000 and class 100 for MEMS and 
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compound semiconductor fabrication and 40m
2
 of class 1000 for e-beam lithography 

[6]. 

   

Figure 2.5: Picture of Tyndall’s CFF (left) and CFF Wafer processing personnel 

with protective cleaning room clothing (right). Taken from [6]. 

 

Photoresist Removal 

Once the wafers with diced microelectrodes were received from the fabrication lab, 

the microelectrodes were first treated to wash away the photoresist layer residues. 

This was done by immersing the electrodes in hot acetone (boiling point 56-57°C) 

for 5 minutes, rinsed with deionized water and followed by 2 minutes immersion in 

hot isopropyl alcohol (boiling point 82.5°C) for 2 minutes. The electrodes were 

washed with copious amount of deionised (DI) water and dried with nitrogen (N2) 

flow.   

 

2.4.3 Redox Solution Preparation 

A 1 mM solution of ferrocenecarboxylic acid (FCA) in supporting electrolyte 0.01 M 

phosphate buffer saline (PBS) solution, pH 7.4 was used for electrochemical 

characterisation. Phosphate buffered saline (PBS) solution was prepared by 

dissolving one PBS tablet in 200 mL DI water yielding 0.01 M phosphate buffer, 

0.0027 M KCl and 0.137 M NaCl, pH 7.4, at 25 °C. To prepare 1mM of FCA in PBS 

in 20 mL PBS, 0.046 g of FCA was weighed out and dissolved in 20 mL of PBS. 

https://www.tyndall.ie/content/wafer-fabrication
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The solution was left in the sonicator for approximately 20 minutes to let the FCA 

completely dissolved. Electrochemical characterisation for the modified electrodes 

with electrochemical assisted self-assembly (EASA) sol-gel on the other hand, was 

carried out in a 5 mM ferrocenemethanol redox solution in 0.1 M NaCl. 

 

2.5 Sol-Gel Silica Film Electrodeposition on Gold Surface 

The  electrodeposition of organosilica films was carried out at the ratio of 

hexadecyltrimethyl ammonium bromide (CTAB) to tetraethyl orthosilicate (TEOS) 

at 0.32 in 20 mL ethanol and 20 mL 0.1 M NaCl at pH 3 (or near) as described by 

Goux et al. [7]. The sol solution was left stir for 1 hour. The electrodeposition was 

achieved by galvanostatic method whereby the current applied to the corresponding 

surface area is -0.74 mA cm
-2 

for 8 seconds with sample time of 0.05 sec. All 

electrodes were plasma-cleaned beforehand.  The deposited silica was dried and left 

aging overnight at 135°C. The surfactant or template removal was carried out by 

immersing the electrode in ethanolic solution of 0.1 M HCl. The cyclic voltammetry 

(CV) characterisation was carried out in 5mM ferrocenemethanol in 0.1 M NaCl 

prior electrodepostion for unmodified gold electrode and after each of modification 

steps, i.e. after sol-gel deposition, after overnight aging and after the sol-gel-

surfactant template removal.  

 

2.5.1 Electrochemical Assisted Self-Assembly Sol-Gel Silica Film 

Electrodeposition 

Following plasma-cleaning, the gold electrode surface was first pretreated with      

(3-Mercaptopropyl)trimethoxysilane (MPTMS) monolayer by dropping an aliquot of 

20 mM of MPTMS in ethanol for 20 minutes [8]. After rinsing in a 50:50 

water/ethanol mixture, the electrode was transferred into the starting sol of 

CTAB/TEOS with MPTMS precursors in 90:10 ratio and left hydrolysed for         

2.5 hours at pH 3. The current applied in galvanostatic electrodeposition was              

-0.74 mA cm
-2 

for the macroelectrode and -7.4 mA cm
-2

 for recessed microelectrode 

array; both used a deposition time of 8 seconds with a sample time of 0.05 sec. The 
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functionalised silica film was rinsed with distilled water and dried at 135°C in the 

oven or over the bench at RT for overnight. The surfactant or template removal was 

carried out by immersing the electrode in ethanolic solution of 0.1 M HCl. The CV 

and EIS characterisations were both carried out in 5mM ferrocenemethanol in 0.1 M 

NaCl prior electrodeposition for unmodified gold electrode and after each of 

modification steps, i.e. after sol-gel deposition, after overnight aging and after the 

sol-gel-surfactant template removal. 

 

2.6 Surface Biofunctionalisation for Histidine-tagged Protein Immobilisation 

The method employed for histidine-tagged protein immobilization in this study was 

taken and modified from Cass et al. [9]. For an initial study, Alexa Fluor® 488, a 

Penta-His fluorophore dye, was employed as a model of the histidine-tagged protein. 

Histidine-tagged PduA protein from L.reuteri was obtained from Microbiology 

Department, UCC.  

All modification steps in this part were carried out at room temperature (RT). The 

electrodes were first plasma cleaned for 10 minutes and immersed in                          

2 mM 11-mercaptoundecanoic acid ethanolic solution for 20 hours. Prior to use, the 

ethanol was degassed for 30 minutes with nitrogen air. After rinsing alternately with 

ethanol and DI water, the electrodes with SAM formation were incubated in freshly 

prepared 0.1 M EDC and 0.1 M NHS in DI water for 30 minutes. The surfaces were 

then washed with PBS and then incubated for 1 hour in a solution of                              

Nα, Nα-Bis(carboxymethyl)-L-lysine (NTA) (1 mg mL
-1

 in 10 mM sodium carbonate, 

pH 8.0). After this coupling step of NTA derivative to the carboxyl terminal group of 

the SAM, the surfaces were further washed with PBS and incubated in                       

0.5 M diethanolamine solution, pH 8.5 for 30 minutes in order to block unreacted 

activated carboxyl groups. The surfaces were then incubated with 20 mM copper 

acetate in acetate buffer buffer (pH 4.5) for 30 minutes. Next, 3 µL of Alexa Fluor or                      

0.2 mg mL
-1

 PduA protein diluted in acetate buffer (pH 4.5) were subsequently 

dropped on the electrode surface and left for 2 hours. After washing the surfaces 

with PBS, the surfaces were then analysed by fluorescence microscopy or AFM. CV 

and EIS studies were carried out using Autolab potentiostat in 1 mM FCA in PBS. 
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2.7 Surface Biofunctionalisation for Anti-T-2 Toxin Monoclonal Antibody 

Immobilisation 

Three different surface biofunctionalisation methods were first studied for antibody 

immobilisation at gold macroelectrode. The selected methods were carboxymethyl 

dextran (CM-Dextran), and surface silanisation using (3-Glycidyloxypropyl) 

trimethoxysilane (GOPTS) and (3-Aminopropyl)triethoxysilane (APTES) with 

different linkers such as poly(ethylene glycol) (PEG) and  1,4-Phenylene 

diisothiocyanate (PDITC). These biofunctionalisation techniques were chosen due to 

their reported successful applications for antibody immobilisation in biosensor               

[10-14]. 

 

2.7.1 CM-Dextran Method 

This protocol requires several days for the surface modification. The first day 

involves the cleaning of the glassware and the three subsequent days for surface 

functionalisation. Six glass bottles in total were required to prepare the 

solutions/chemicals and to immerse the electrodes.  

Day 1: All glassware were cleaned in piranha solution of H2SO4:30% H2O2 (7:3) for 

1 hour at 90°C. The glassware were then rinsed with water followed by ethanol and 

dried in the oven. Prior to use, all glassware were cleaned via plasma-cleaner for    

20 minutes and cleaned using ethanol and dried with N2 flow.  

Surface Preparation 

Day 2: The electrodes were first washed with ethanol and dried under the stream of 

N2 flow. In a first glass bottle, 1.4 mg of 16-mercaptohexadecan-1-ol was weighed 

and added to 1 mL ethanol/water (v/v: 80:20). The mixture was vortexed well and 

wrapped in aluminium foil. The electrodes were left immersed in the solution for 

overnight on rotamax.  

The electrodes were taken out on the following day and dried with N2 flow to 

remove excess solution. The electrodes were then transferred into second glass bottle 
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containing 56 μL 0.6 M epichlorohydrin in 0.4 M NaOH and Diglyme (v/v: 1:1) at 

25
o
C for 4 hours. Meanwhile, 0.3 g of dextran was dissolved in 1 mL of                         

0.1 M NaOH in the third glass bottle. The dextran may require some time to dissolve 

hence heating in the oven of 25°C is required.  Following the epichlorohydrin 

reaction, the electrodes were taken out and washed alternately with water and 

ethanol. The electrodes were placed in the dextran solution and left 20 hours at 25°C.  

Day 3: In the fourth glass bottle, bromoacetic acid was prepared by weighing 0.14 g 

of bromoacetic acid and added in 1 ml of 2 M NaOH. The electrodes were taken out 

from dextran solution and rinsed with water to remove excess. They were dried 

under the N2 flow and left overnight in the bromoacetic acid.  

Day 4: A mixture of 500 μL EDC (750 mg of EDC in 10 mL of DI water) and 500 

μL NHS (115 mg NHS in DI water) was prepared in the fifth glass bottle. The 

electrodes from previous night was taken out, washed, dried under N2 and left into 

the EDC-NHS solution for 30 minutes. The anti-T-2 toxin antibody dilution was 

prepared in 10 mM phosphate buffer pH 6 in eppendorf tubes.  

Antibody Immobilisation and Surface Blocking 

The electrodes from the EDC-NHS mixture were taken out and transferred into 

eppendorf tubes containing diluted anti-T-2 toxin antibody. The tubes need to be 

wrapped in aluminium foil. After incubation of 2 hours, the electrodes were straight 

transferred into blocking solution of 1ml of 1M ethanolamine (sixth glass bottle) for 

30 minutes. The electrodes were then rinsed with DI water and dried with N2, and 

ready for testing. 

10 mM Phosphate Buffer pH 6.5 Preparation 

Stock solutions of 250 mL of sodium phosphate monobasic 0.2 M (Solution A) and 

250 mL of sodium phosphate dibasic 0.2 M (Solution B) were first prepared. These 

solutions are stable for six months at RT. 4.385 mL from Solution A and 0.615 mL 

from Solution B were taken and mixed together. A 5 mL of DI water was added to 

the mixed solution, giving 10 mL of 100 mM buffer at pH 6. A 1:10 dilution was 

then performed in order to get concentration of 10 mM. pH was then adjusted to    

pH 6.5 using 2 M NaOH.  
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2.7.2 Silanisation Using GOPTS with PEG Linker 

The method described here for the surface modification using both GOPTS and PEG 

is as similar as reported by Wolter et al. (2008) [15]. In this work,                                

N,N’-disuccinimidyl carbonate (DSC) was used as the cross-linker for Ab 

attachment.  

Electrode Surface Pretreatment  

All electrodes and glassware were first oxygen plasma-cleaned for 20 minutes at 

high setting. Following the plasma-cleaning, electrodes were immersed in                   

HCl:MeOH (1:1, v/v) solution for 15 min and 32% sulfuric acid for a further           

15 minutes. The activated electrode surfaces were then washed with copious 

amounts of DI water, dried under N2 stream and stored at 70
o
C for 15 minutes.  

Silanisation 

The pretreated electrodes were directly silanised in 1 mL of GOPTS in a clean glass 

bottle for 30 minutes at RT on the rotamax with 50 rpm speed. They were then 

sonicated sequentially in 10 mL of ethanol, methanol and ethanol for 15 minutes 

each and dried under the N2 stream. The silanised electrodes were cured at 70°C for                      

15 minutes.  

PEG Layer Preparation 

The diamino poly(ethylene glycol) (DAPEG) was melted at 105°C. The melted 

DAPEG was dribbled at the middle of the electrode and then covered with another 

electrode on top before baking the electrodes at 105°C for overnight.  The baked 

sandwiched electrodes were taken out from the oven the following day and were slid 

apart to separate. They were then sonicated in DI water for 15 minutes before drying 

under N2 stream. The electrodes were further cured at 70
o
C for 15 minutes. 

Surface Activation (Cross-Linker Attachment) 

80 mg of DSC

 and 4 mg of dimethylaminopyridine (DMAP) were dissolved in              

1.6 mL of DMF and 125 μL of triethylamine. The electrodes were immersed in the 

                                                           
 DSC is air-sensitive thus it needs to be wrapped with parafilm when storing 
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mixture (300 μL for each electrode) for 4 hours at RT, wrapped in aluminium foil 

and left shaking on the rotamax with 50 rpm. Following the incubation, the 

electrodes were sonicated in MeOH for 15 minutes and then dried under N2.  

Antibody Immobilisation 

Antibody dilutions in 10 mM phosphate buffer pH 6.5 were carried out in large 

eppendorfs tubes. The electrodes were immersed in 100 μL of anti-T-2 toxin 

antibody solution with different concentrations of 0.1 and 1.0 mg mL
-1

 and left for   

2 hours at RT, wrapped in aluminium foil. After the antibody immobilisation, the 

electrodes were removed, rinsed with DI water and dried with N2. The electrodes can 

be stored in PBS.  

 

2.7.3 Silanisation Using APTES with PDITC Cross-Linker 

Unlike the two previous methods, this procedure is more straight-forward and do not 

require any overnight incubation. For the biofunctionalisation surface using APTES 

silanisation described here and following section (2.7.4), modification steps were 

carried out in microinsert tubes. Both microinsert tubes and bottle stand were 

supplied by Supelco (Sigma Aldrich) (Fig. 2.6).  

 

 

Figure 2.6: Experimental set-up for surface biofunctionalisation using APTES 

silanisation methods for antibody immobilisation (left). A microinsert was used to 

accommodate the surface functionalisation on the working surface electrode (right). 



 

92 
 

Electrode Surface Pretreatment  

The electrodes were first plasma-cleaned for 10 minutes and then immersed in 

HCl:MeOH (1:1, v/v) solution for 15 minutes. The electrodes were then sonicated in 

acetone and isopropyl alcohol for 5 minutes each; and rinsed with copious amounts 

of DI water and dry under a stream of N2.  

Silanisation 

Silanisation for the electrode surfaces was carried out in 3% APTES in MeOH:DI 

water (19:1) solution for 30 minutes at RT. The electrodes were then rinsed 

sequentially with MeOH and DI water before left cure in the oven (dust free) for     

15 minutes at 120C. 

Surface Activation (Cross-Linker Attachment) 

Following the curing steps, the silanised electrodes were immediately immersed in 

18 mL of DMF solution containing 2 mL of 10% pyridine and 0.098 g 1,4-phenylene 

diisothiocyanate (PDITC) (produces 25mM PDITC) for 2 hours. The electrodes were 

washed sequentially with DMF and DCE and dry under N2. 

Antibody Immobilisation 

For this modification, anti-T-2 toxin antibody was diluted in in 0.1 M sodium borate 

pH 9.3. The electrodes were immersed in 100 μL of diluted antibody solution for      

2 hours at RT, wrapped in aluminium foil. The electrodes were removed, rinsed with 

DI water and dried with N2.  

Testing the Immobilised Antibody with Optical Reading 

50 μL of T-2/HT-2 conjugate and 50 μl of T-2/HT-2 standard solutions were mixed. 

Two standard solutions were being used, 0 and 250 ng mL
-1

 ml as negative and 

positive control respectively. The electrodes with immobilised anti-T-2 toxin 

antibody were placed in the mixtures and left incubated for 5 minutes at RT. The 

electrodes were then washed with copious amount of DI water, dried with N2 and 

placed in 100 μL of substrates for 10 minutes at RT. 100 μL of stop solution was 

then added and solution was optically read at 650nm. All of the conjugate, standard 

solutions, substrates and stop solution used here were from the Veratox® kit. 
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0.1 M Sodium Borate Buffer pH 9.3 Preparation 

0.31 g of boric acid was added to 35 mL of DI water. pH was adjusted to pH 9.3 

with 1 M NaOH and solution was made up 50 mL with DI water.  

 

2.7.4  Silanisation Using APTES with EDC-NHS Amine Coupling 

The methods described here are adapted from the work on biofunctionalisation on 

Au SPR chip [16, 17]. All steps described here were carried out at RT. After           

10 minutes of plasma cleaning, the electrodes were treated with piranha solution    

(60 μL of H2SO4:30 μL of H2O2 30%) for 3 minutes followed by extensive washing. 

The electrodes were then incubated in 2% APTES in DI water for 1 hour under the 

fume hood followed by five washes with DI water. Following this, different 

immobilisation strategies were applied.  

Antibody Immobilisation without Protein A 

A 495 μL of anti-T-2 toxin antibody from various concentrations (diluted in either 

borate buffer pH 8.3 or PBS pH 7.4) was pre-incubated with 5 μL of EDC (4 mg   

mL
-1

) and NHS mixture (11 mg mL
-1

) in DI water for 15 minutes. This led to the 

activation of carboxyl groups on the T-2 toxin antibody with EDC. The electrodes 

from APTES step was then immersed in this Ab solution and left 1 hour before 

tested. 

Antibody Immobilisation with Protein A 

For the antibody attachment with the aid of Protein A, 495 μL of Protein A (1 mg 

mL
-1

 in phosphate buffer 50 mM) was pre-incubated with 5 μL of EDC (4 mg mL
-1

) 

and NHS mixture (11 mg mL
-1

) in DI water for 15 minutes. The electrodes with 

APTES-functionalised surface were transferred in this mixture for 1 hour and rinsed 

with PBS for five times. The electrode surface was then blocked with 1% (w/v) BSA 

for 30 minutes.  After washing the electrodes with PBS for five times, the electrodes 

were then incubated in antibody solution of various concentration, each 

concentration for 30 minutes.  
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Optical Study of the Antibody Immobilisation  

To verify the success of the immobilisation procedures, mouse IgG was used as the 

substitute for anti-T-2 toxin antibody.  The biofunctionalisation steps were similar as 

described earlier with piranha solution treatment, silanisation with APTES and 

EDC/NHS activation. Following the attachment of the Mouse IgG, the electrodes 

were transferred in microinsert tubes containing 1 mg mL
-1 

anti-mouse IgG-FITC 

labelled for 15 minutes to 1 hour. The electrodes were then analysed using 

fluorescence microscope with FITC filter.  

Antibody Immobilisation Calibration Curve Establishment 

A 495 μL of anti-T-2 toxin antibody from various concentrations (0.1, 0.25, 0.5,   

0.75 mg mL-1 in PBS pH 7.4) was pre-incubated with 5 μL of EDC (4 mg mL
-1

) and 

NHS mixture (11 mg mL
-1

) in DI water for 15 minutes. The APTES-activated 

electrodes were then incubated in the antibody dilutions for 1 hour. The electrodes 

were washed with DI water and dried with N2. Electrochemical measurements for 

CV and EIS were performed accordingly. For the control of 0 ppb antibody 

concentration, the PBS diluent was mixed with the EDC/NHS.  

Antibody-Antigen Calibration Curve Establishment 

Following the attachment of the anti-T-2 toxin antibody, the electrodes were 

transferred in the micro inserts with different T-2/HT-2 toxin concentrations

 (0, 25, 

50, 100 and 250 ppb) for 15-30 minutes incubation under the fume hood. The 

electrodes were washed with DI water and dried with N2 and ready for the 

electrochemical measurements.  

 

 

 

                                                           
 Due to the toxicity of T-2/HT-2 toxin, all of the T-2/HT-2 toxin wastes, wash wastes and pipette tips 
used to dispense the toxin were collected in Schott glass bottle. 70% sodium hypochlorite was added 
to the waste bottle to deactivate the toxin. The electrochemical redox solution for T-2/HT-2 
measurements was also disposed in the same manner.   
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CHAPTER 3 

DEVELOPMENT OF MICRO- AND 

NANOELECTRODE ARRAYS  

 

 

3.1  Introduction 

The transducer is a key component of any biosensor. To develop a robust biosensor 

system, the sensitivity and stability of the transducer are the main issues that need to 

be addressed. In electrochemical biosensor, the sensitivity of the transducer 

(electrode) can be improved by using microelectrode [1]. The use of a single 

microelectrode, however, leads to produce low current output and is more susceptible 

to interference [2, 3]. These drawbacks can be overcome with microelectrode arrays. 

One of the most important goals in using microelectrode arrays is to increase the 

current levels while maintaining the special features of a single microelectrode, such 

as steady-state current, low ohmic potential drop and a low time constant [4]. 

As described earlier in Chapter 1 (Section 1.3.5), there are many ways to fabricate 

microelectrode array. In this particular study, silicon-based microelectrode arrays 

were fabricated by combination of UV photolithography and electron-beam 

lithography. Silicon-based microelectrode array fabricated by either these means 

have been reported before by numerous groups [5-10].  It has long known also that 

the geometry, dimension, surface structure and choice of substrates of the electrode 

have profound effects on the electrochemical response [11].  Therefore this study 

will investigate the effect of the aforementioned factors towards the diffusion profile 

and its associated electrochemical characterisation of a microelectrode.  

Firstly, two types of geometry, band and disc array; with three critical dimensions 

(100 nm, 1 μm and 10 μm) chosen for the microelectrode design were carefully 
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examined. The selected critical dimensions span size ranging from nano to micro; 

allowing us to compare the performance of a nanoelectrode array with a 

microelectrode array. Consideration of the two type of geometry (disc and band) on 

the other hand, would be able to assist us to gain insight regarding the diffusion 

profile associated with hemispherical (3D) and hemicylindrical (2D) diffusions.  

The other parameter of interest in silicon-based microelectrode array was the 

thicknesses of passivation layer, which is an essential component of the electrode 

array responsible for an electrode recess. Recessed microelectrodes are the most 

common in the photolithography technique due to the nature of the fabrication 

process (e.g. etching).   Thus, three different silicon nitride (Si3N4) layer thicknesses 

of 200, 300 and 500 nm (Fig. 3.1) were considered. The thicker silicon nitride layer, 

the less parasitic capacitance associated with the passivated part of the transducer 

surface. At the same time, the thicker the passivation layer, the deeper electrode 

recess and therefore the more it affects the electrochemical performance of the 

individual electrode in the array.  

 

 

Figure 3.1: Schematic diagram of Si3N4 passivation layer on silicon substrate/SiO2 

layer and the recess depth with regard to the working microelectrode surface (Au 

layer) (not to scale). 

 

At the same, in biosensor application, the recessed microelectrodes offer advantages 

of protecting immobilised biomolecule within the recess [12]. From another practical 

point of view, the recess protects the electrode surface from contamination and 

handling damage (scratch etc.) [13].  

passivation 
layer

Si SiO2 Ti Au Si3N4

Recess depth 
200, 300 or  
500 nm
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Finally, besides silicon, the microelectrode array was also fabricated on a glass 

substrate. The choice of these two substrates is interesting due to the difference of 

their physical property such as conductivity that can result in less parasitic 

capacitance for glass-based microelectrode vis-à-vis silicon-based microelectrode. 

The fabrication of the microelectrode array is described in next section. The 

individual diced microelectrode array chip had dimension of 2.54 mm (w) x 15 mm 

(l) as shown in Fig. 3.2. This dimension has been selected to provide easy chip 

handling for characterisation experiments and future practical implementation. The 

chip length 15 mm will allow immersion of the transducer area in the solution 

without the risk of wetting the connection pad, represented by a rectangular (2 mm x 

3mm) gold pad opening in the passivation layer. The microelectrode array surface is 

also represented by an open gold layer which is connected to the connection pad via 

a gold track isolated from the surrounding medium by silicon nitride. The layout of 

the underlying metal pattern on this end varies, depending on the design and 

dimension of the microelectrode. 

 

 

Figure 3.2: Single chip of microfabricated silicon-based microelectrode array. 

 

Following the design and fabrication of the microelectrode array, the characterisation 

and optimisation of microelectrode array performance was carried out. The summary 

of the designs studied in terms of their geometry and sizes are presented in Table 3.1. 

Microelectrode characterisation studies are important for verification of the 
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microelectrode design and also as a viability indication of the whole fabrication 

process. The characterisations included microscopic and spectroscopic examinations 

of the fabricated microelectrode array to check the quality of array fabrication and 

also electrochemical characterisations which consisted of cyclic voltammetry (CV) 

and electrochemical impedance spectroscopy (EIS) techniques. The best working 

electrode dimension and geometry found from these characterisation studies were 

used for the subsequent on-chip microelectrochemical cell development as will be 

discussed in Chapter 4. 

 

Table 3.1 Summary of the five different types of microelectrode array 

Design Geometry Width/diameter Length N 

electrodes 

*Surface 

area/cm
2
 

d1 Disc 10 μm - 314 2.466 x 10
-4

 

d2 Disc 1 μm - 75 5.89 x 10
-4

 

b1 Band 10 μm 500 μm 17 8.5 x 10
-4

 

b2 Band 1 μm 50 μm 9 4.5 x 10
-6

 

b3 Band 100 nm 5 μm 75 3.75 x 10
-7

 

*Surface area, A, is calculated using the following equations: 

1.     
  

 
  for disc electrodes 

2.       for band electrodes 

The terms were defined as: N=number of electrodes in the array, d=disc diameter, 

w=width of the bands and l=length of the bands. 

 

All the disc arrays of d1 and d2 were arranged in a hexagonal manner so that the 

optimum number of electrodes in the array could be achieved. The microelectrodes 

were arranged in an array with centre-to-centre spacing (d) of 10 times more than the 

critical dimension in the case of 10 μm, and of 20 times more than the critical 

dimension for 1 μm. The five designs of d1, d2, b1, b2 and b3 are shown in Fig. 3.3.  
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Figure 3.3: (a) Microelectrode arrangement for microdisc array (d1 and d2) and 

single array of microband electrodes (b1, b2 and b3); (b) disc arrangement in 

hexagonal manner (discs represented by yellow dots) with centre-to-centre distance 

(denote by d) (not to scale). 

 

In the second part of this chapter, results for the microelectrodes which were 

undergone chemical modification to alter/modify the surface properties i.e. to 

increase surface roughness will be presented. The chemical modification was 

achieved via sol-gel and nanoporous gold; both via electrodeposition. This additional 

study allowed us to investigate the possibility of carrying out chemical modification 

on the recessed microelectrode array, thus demonstrating the future prospect on 

chemical modification for further biological application.  

The objectives of this chapter are summarised as follow: 

1. To design a number of gold microelectrode arrays with different geometries 

(disk and band) and dimensions  

2. To fabricate and investigate the influence of geometry, dimensions and 

passivation layer thickness of the silicon-based microelectrode array on its 

electrochemical performance and diffusion profile 

3. To fabricate and characterise the microelectrode array on glass substrate  
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4. To select the best design and geometry of microelectrode array for 

subsequent on-chip microelectrochemical cell development 

5. To demonstrate the possibility of chemically modifying the recessed 

microelectrode array surface by electrochemical deposition of sol-gel and 

nanoporous gold 

 

3.2 Micro- and Nanoelectrode Array Fabrication 

The fabrication of microelectrode array was carried out in Tyndall National 

Institute’s Central Fabrication Facilities (CFF)

. A combination of UV 

photolithographic and e-beam lithographic methods were used to pattern electrodes 

with critical dimensions of 10 μm, 1 μm and 100 nm. The fabrication process 

includes five stages: (i) preparation of the wafers, (ii) metal deposition, (iii) silicon 

nitride deposition, (iv) e-beam patterning and (v) silicon nitride plasma etching (Fig. 

3.4).   

A silicon wafer (N-Type<111>-orientation) with 525 μm thickness was used as the 

substrate. A silicon oxide layer with 1 μm thickness was thermally grown on the 

substrate and alignment marks for both photolithography and e-beam lithography 

was patterned on the wafer. Next, photoresist (a bi-level resist system with Micro-

chem LOR3A and Shipley S1813) was spin-coated on the wafer. This resist was 

exposed using a mask aligner. Resist was then developed with Microposit MF319 

Developer. For the fabrication of the metal electrodes, gold was deposited by 

evaporation. Titanium was used as the adhesion layer to ensure appropriate adhesion 

of the gold on the substrate in the proportion of 20:150 for Ti:Au. The remaining 

resist was then removed with excess metal by lift-off process using Microposit 

R1165 resist stripper. On the following stage, silicon nitride passivation layer with 

three different thicknesses (200, 300 and 500 nm) were deposited by plasma-

enhanced chemical vapour deposition (PEVCD). For the 500 nm thick silicon nitride 

layer, a silicon oxide hard mask of 125 nm was deposited to improve accuracy of the 

subsequent etching. 

                                                           
 Microelectrode array fabrication was done by Mr. Dan O’Connell of Tyndall’s CFF 
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This is followed by e-beam patterning for the opening electrodes with smallest 

dimensions of 100 nm and 1 μm. E-beam photoresist with 200 nm was spin-coated 

and e-beam lithography was carried out. Finally, the openings in the e-beam resist 

were transferred to the silicon nitride via inductively couple plasma (ICP) reactive-

ion etching (RIE). The S1813 resist was used as the positive photoresist for the 

passivation. The opening of the largest features of 10 μm and the connecting pad was 

carried out by photolithography followed by plasma etching. Following fabrication, 

the wafers were diced into individual microelectrode array chips and no further 

packaging was required.  

For the glass-based microelectrode array, glass substrate was used and fabrication 

was carried out with one silicon nitride thickness only (200 nm). 

 

Figure 3.4:  Detailed stages of microelectrode array microfabrication process (not to 

scale). 
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3.3 Optical Study for Visual Characterisation 

The fabricated microelectrode arrays were inspected using scanning electron 

microscopy (SEM) and optical microscopy to confirm correspondence between the 

fabricated dimensions and the expected ones. An energy-dispersive X-ray 

spectroscopy (EDX) was performed as well to detect the chemical composition on 

the surface of the different components of the fabricated electrode. Although at first 

100 nm nanodisc array were aimed to design, nevertheless due to fabrication problem 

related to the software bugs, this design was omitted in the study. 

The SEM images

 for all the studied designs were carried out but only images for 

microdisc array with 1 μm critical dimension, d2, (300 nm recess depth) and 

microband array with 1 μm (b2) and 100 nm (b3) (200 nm recess depth) were 

presented here (Fig. 3.5). The expected and the achieved critical dimensions for all of 

the microelectrode array’s designs for the three thicknesses, however, are 

summarised in Table 3.2.  

The larger feature dimensions (d1 and b1) that were realised corresponded to the 

expected dimensions with 10% accuracy regardless of the silicon nitride thickness. 

However, for the smallest features (d2, b2 and b3), the dimensions achieved varied 

greatly with the thickness. For silicon nitride thicknesses of 200 and 300 nm, there 

was no silicon oxide layer between the silicon nitride and the e-beam resist. As a 

result, the dimensions achieved for the 500 nm thick silicon nitride wafers were 

much closer to the expected dimensions compared to the wafers with thinner silicon 

nitride layers. The reason for the widening of the opening was due to the lack of 

selectivity of the etching process for silicon nitride over the e-beam resist. Therefore, 

in order to improve the selectivity for the development of future microelectrodes, a 

silicon oxide layer can be introduced on the silicon nitride layer (triplex layers of 

SiO2/Si3N4/SiO2) to ensure that the correct dimensions are realised [14]. 

 

 

                                                           
 All SEM images in this chapter were captured by Mr. Vince Lodge from Central Fabrication Lab, 
Tyndall National Institute 
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Figure 3.5: Top row:  SEM images of 1 μm microdisc array, d2 (300 nm recess 

depth). Bottom row: SEM images of 1 μm microband, b2 (left) and 100 nm 

microband, b3 (right); both with 200 nm recess depth. 

 

The presence of Au at the bottom of the trenches was confirmed by EDX analysis

 

(Figure 3.6) that confirmed the accuracy of the nitride plasma etching process step. 

Two spectra were recorded: the first one was taken at the silicon nitride passivation 

layer, and the second one was within the recess. These experiments prove that there 

is gold present in the band, although there is no visual difference on the SEM images 

between Si3N4 and gold. 

                                                           
 All EDX analysis were carried out by Mr. Vince Lodge from Central Fabrication Lab, Tyndall National 
Institute 
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Figure 3.6: SEM image of design b3 of 200 nm recess depth (microband with 100 

nm critical dimension) (left) and EDX analysis for the same microelectrode (right). 

 

The SEM also was conducted on the glass-based microelectrode array. For the 

microelectrode array with 10 μm critical dimension, the designs were successfully 

patterned on the surface (Fig. 3.7).  

 

 

Figure 3.7: SEM image of glass-based microelectrode array for 10 μm microband 

array.   
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  Table 3.2 Expected and achieved critical dimensions for microelectrode array on silicon substrate 

  200 nm 300 nm 500 nm 

Design Critical 

dimension, 

µm 

Dimensions 

achieved, µm 

Relative 

error 

Dimensions 

achieved, µm 

Relative 

error 

Dimensions 

achieved, µm 

Relative 

error 

d1 10 9.31 -0.07 8.89 -0.11 8.89 -0.11 

d2 1 1.17 0.17 1.23 0.24 0.97 -0.04 

b1 10 9.52 -0.05 10.26 0.03 10.58 0.06 

b2 1 1.20 0.19 1.30 0.30 1.03 0.03 

b3 0.1 0.25 2.50 0.28 2.79 0.08 -0.16 
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3.4 Electrochemical Studies 

The electrochemical analysis procedure described here has been established and 

successfully used in Tyndall National Institute for many years. The characterisation 

protocol has been published in a number of papers [2, 5, 14]. Prior their use, the 

microelectrode array chips were treated for 3-5 minutes in plasma-cleaner at 100 W, 

600 mTorr to remove residual organic matter that may remain after the fabrication 

process.  The electrodes were then rinsed with nanopure water and dried with 

nitrogen flow. The justification on cleaning the silicon-based microelectrode array 

has been described earlier in Chapter 2 (Section 2.3). The electrochemistry study was 

carried out in 1 mM solution of ferrocenecarboxylic acid (hereafter abbreviated as 

FCA) in PBS (0.01 M, pH 7.4). In this particular study, the fabricated microelectrode 

array chip was connected to the potentiostat using a custom made connector kindly 

provided by Uniscan Limited (Buxton, UK). 

 

 

Figure 3.8: Picture of the custom made connector with the fabricated microelectrode 

array 

 

3.4.1 Role of Passivation Layer 

Passivation layers can be either organic or inorganic in nature. The example of 

organic passivation layer is the polyimides, and generally applied to the substrate by 

spin-coating process. Inorganic passivation layers, on the other hand, include silicon 

dioxide (SiO2), silicon nitride (Si3N4), silicon oxinitrite (SixOyNz) and silicon carbide 

(SiC). Inorganic passivation layer can be applied as monolayers, duplex layers (e.g. 

SiO2/Si3N4) or triplex layers (e.g. SiO2/Si3N4/SiO2, abbreviated by ONO). These 

layers are generally prepared by PEVCD via decomposition of appropriate gas 
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mixtures [15]. The optimisation of the passivation layer for silicon-based 

microelectrode array using buried conducting track with duplex (SiO2/Si3N4) or 

triplex (SiO2/Si3N4/SiO2) layers has been studied in 2000 by Faβbender et al. [16]. 

In our study, using a duplex layers, silicon nitride layer was deposited on top of SiO2. 

This passivation layer allows the contact of the solution only with the electrodes. In 

order to verify the efficiency of the Si3N4 layer in preventing diffusion and reaction at 

the underlying gold layer with the ferrocenecarboxylic acid, a cyclic voltammetry 

(CV) was carried out in the redox solution using microelectrodes with no opening in 

the silicon nitride layer.  

Figure 3.9 shows the CV responses from an array of 1 μm microdisc (d2 design) to 1 

mM FCA in PBS, at 5 mV s
-1

; and the response from a passivated electrode with no 

microdisc patterning. Both d2 design and the control design with no opening had 

similar gold metal layout of 0.16 mm x 0.16 mm (surface area 2.56 x 10
-4

 cm
2
). No 

faradaic current was recorded when there was no opening in the silicon nitride on the 

control designs, even for the thinnest passivation layer. 

 

Figure 3.9: CV of 1 μm microdisc (d2) (red curve) and a control microelectrode with 

no opening in the Si3N4 (blue curve) in 1 mM FCA in PBS. Scan rate 5 mV s
-1

. 

 

The capacitance of the electrodes was estimated from CV experiments using the 

control design in 1 mM FCA in PBS (Fig. 3.10). Under these circumstances, no 
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faradaic current was present. The capacitance values were determined from the 

charging currents measured at +0.1 V at variety of sweep rates. 

 

Figure 3.10: Microelectrode with no opening on the Si3N4 layer response in 1 mM 

FCA in PBS with Si3N4 thickness of 200 nm at charging current +0.1 V. Inset: Linear 

dependence of capacitive current, ic, on the scan rate for the control microelectrode. 

 

It was observed that the charging current, ic, increased linearly with the scan rate, v 

(Fig. 3.10 inset). From this linear relationship, the capacitance contribution can be 

quantified from the slope (2ACdl) of the following equation [17-19]: 

 

The capacitance for the control microelectrode with no opening were found              

0.83 ± 0.04, 0.82 ± 0.04 and 0.81 ± 0.03 µF for silicon nitride thicknesses of 200, 

300 and 500 nm respectively. All these values were equal within measurement 

accuracies. Thus, the increment of the passivation layer thicknesses did not resulted 

in a significant decrease of the parasitic capacitance.  

Although passivation layer provides protection to the electrode surface from scratch 

and particle contamination during the fabrication process [15], studies have shown 

that passivation layer has resulted in a slight reduction of the observed steady state 

current around 10% or more depending on the recess depth [20] and also a sensitivity 

drop of 13% of bio-impedance measurements [21, 22]. 
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3.4.2 Cyclic Voltammetry Studies- Experimental vs. Theory 

Cyclic voltammetry is a powerful electroanalytical method, often the first choice to 

characterise a new electrochemical system. Voltammetric studies with a model 

electroactive species are frequently used to determine nanoelectrode dimensions 

where imaging is not possible and to investigate the diffusion characteristics of the 

probe species to the electrode surface [2].  

 

Microdisc Array 

In cyclic voltammetric studies with microdisc electrode arrays, steady-state 

responses are expected if the hemispherical diffusion layers on the individual 

microelectrodes are not perturbed by the diffusion layers of the neighbouring 

microelectrodes. However, once the adjacent diffusion layers overlap, peak-shaped 

CVs with smaller current densities are observed, which is known as “shielding 

effect” [23].  

CV curves for disc arrays of d1 (10 μm disc diameter) and d2 (1 μm disc diameter)  

(Fig. 3.11) obtained exhibited steady state shape peak at 100 mV s
-1

 for all wafer 

thicknesses of 200, 300 and 500 nm. Each electrode design was measured using 3 

different electrodes (denoted as chip 1, 2 and 3) and an average of each reading was 

taken from 3 measurements (n=3) to study the repeatability and stability of the 

electrodes responses.  
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Figure 3.11: CV for disc array of d1 (10 μm disc diameter) and d2 (1 μm disc 

diameter) for all recess depths. Measurements were made using 3 different chips, 

scan rate 100mV s
-1

 in 1 mM FCA in PBS. 

 

Comparing the steady-state voltammogram obtained from the disc arrays of d1 and 

d2 with the voltammograms from five categories of diffusion zones on disc 

microelectrode array as outlined by Guo and Lindner [23] (Fig. 3.12), the diffusion 

mode of the studied microdisc arrays can be assigned to category III. In this 

category, the diffusion zone resembles a hemispherical (also known as non-linear) 

diffusion layers on individual microdisc and no overlapping of diffusion zones is 

observed. This particular condition is referred as diffusional independence [24] and  

this ideal characteristic is aimed/favoured in a microelectrode array design and 

fabrication. Davies & Compton, described such voltammetry pattern as category 2 

voltammetry (inset Fig. 3.12); where the diffusion layer thickness, δ, is larger than 

the microdisc radius (δ >a) but smaller than its centre-to-centre spacing (δ<d) [25].  
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Figure 3.12: Simulated concentration profiles with isoconcentration contour lines 

over a microelectrode array representing the five main categories of diffusion modes 

with the related CVs of each category according to Guo and Lindner (2008) [23]. 

Inset: Diffusion profile of Category 2 suggested by Davies & Compton (2005). 

 

The diffusion domain radius, Rmax, for a microdisc array arranged in a hexagonal 

manner (Fig. 3.13) can be found from the cylindrical radial coordinate, r, using the 

following equation [24] (The expression R is used as the radial coordinate parameter 

in the numerical simulation): 

 

where d= centre-to-centre spacing and r=radius of the disc.  

 

Figure 3.13: Unit cell in Cartesian coordinate hexagonal array. 
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Taking into account the diffusion layer thickness, δ, is similar to the diffusion 

domain radius, Rmax, we can then find the δ value. The δ for both d1 and d2 

calculated are 52.5 μm and 10.5 μm respectively. These values are within the range 

as outlined by Davies & Compton (2005) for Category 2 diffusion profile, i.e. δ >r 

and δ<d (d1: r=5 μm, d=100 μm; d2: r=0.5 μm, d= 20 μm). 

A direct and easy calculation to verify the steady-state response for a microdisc 

electrode was suggested earlier by Fletcher and Horne in 1999 [3]: 

                     

where d= centre-to-centre spacing and r=radius of the disc.  

Similar to this, another given assumption that no overlapping diffusion layer 

occurred for microdisc array is calculated by the ratio of centre-to-centre spacing (rd) 

and the radius (rr). The large ratio of rd/rr minimises the overlaps between diffusion 

zones formed at adjacent interfaces [26]; no overlap occurs between micro-interfaces 

for ratios rd/rr of 20 and more [27]. In this study, the ratio for rd/rr for d1 and d2 

microdiscs were both found 20 and 40 respectively hence suggesting no overlapping 

of diffusion layer should take place in this case. 

 

Microband Array 

For the microband electrodes of b1 on the other hand, the CVs tended towards 

slightly peak-shaped voltammograms for b1 and a steady-shape voltammogram for 

b2 was observed at scan rate of 100 mV s
-1

 (Fig. 3.13). The fact that microbands do 

not attain steady-shape voltammetry has been highlighted by Bond et al. in 1989 

[28]. It was earlier deduced that only linear diffusion is possible for the recessed 

microband electrode geometry [29]. According to Nagale & Fritsch (1989), the band 

electrodes exhibit sigmoidal-shaped voltammograms at lower scan rates and are scan 

rate dependant [30]. At higher scan rates, cyclic voltammograms became more peak 

shaped due to an increasing contribution from linear diffusion [31]. As the categories 

of diffusion layers on microdisc arrays are also valid for discussing microband arrays 

[32], this type of CV can be concluded as Category IV from the previous Fig. 3.12. 

The type of diffusion suggested is a mixed diffusion layers of individual and little 
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overlapping of the individual diffusion layers. The size of the diffusion layer over the 

microband electrodes can be controlled by varying the scan rate. Changes in scan 

rate are able to induce transitions between Davies & Compton’s categories on a fixed 

array dimension [32].                  

                                                                                                     

Figure 3.14: CV for microband array of b1 (10 μm band array) and b2 (1 μm band 

array) for all recess depths. Measurements were made using 3 different chips, scan 

rate 100mV s
-1

 in 1 mM FCA in PBS. 

 

However for the b3 design, it was found that the CV varied from one recess depth to 

another. For 200 nm recess, the CV exhibited peak shape even at lower scan rate of 

10 mV s
-1

 indicative of capacitive background that may suggest ‘leaky’ band 

electrodes due to delamination defects during fabrication [15, 31, 33]. The CVs for 

300 and 500 nm recess depth at 10 mV s
-1

 scan rate on the other hand, were in 
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resemblance with steady-state shape voltammogram although capacitance effect still 

can be seen.  

 

 

Figure 3.15: CV for band array of b3 of all recess depths. Scan rate 10 mV s
-1

 in 1 

mM FCA in PBS. 

 

The CV for the glass-based microelectrode array for both 10 μm microdisc and 

microband that were successfully fabricated were compared to those of silicon-based 

microelectrode array at 200 nm recess depth (Fig. 3.16). It was found that the CV for 

both substrates at the same dimension were within the same range and did not shift 

greatly hence suggesting the diffusion profile similar to described previously.   

 

 

Figure 3.16: CV comparison for glass-based (red dotted line) and silicon-based 

microelectrode array (blue line) for 10 μm microdisc (right) and 10 μm microband 

(left) at 200 nm recess depth. Scan rate 100 mV s
-1

 in 1 mM FCA in PBS. 
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Limiting Current 

The ideal voltammetric response for a steady-state response of an individual 

diffusion layer is the response of an individual microelectrode multiplied by the total 

number of electrodes in the array. This microelectrode response is characterized by 

the limiting current, which represents a swing of its CV characteristic and depends 

on electrode geometry. 

For a recessed microdisc electrode array, the limiting current is defined by Eq. 3.4 

[34] : 

      (
        

      
)                    

 

 where n is the number of electrons involved in the reaction, F is Faraday constant 

(96,485 C mol
-1

), C is the bulk concentration of ferrocene carboxylic acid (mol cm
-3

), 

D is diffusion coefficient (5.7 × 10
−6

 cm
2
 s

-1
), r is the disc radius (cm), L is the 

silicon nitride thickness (recess depth) (cm) and N is the number of electrodes in an 

array. 

For the microband electrode array, Eq. 3.5 was employed without taking into account 

the recess depth [2, 35]: 

 

     (
       

            
)                   

  

where l is the band electrode length (cm), w is the band electrode width (cm), t is the 

time of experiments and is equal to RT/Fv, where R is the gas constant (8.314 J mol
-1

 

K
-1

), T is the temperature (Kelvin), v is the scan rate (V s
-1

), The other parameters are 

as described above.  

Later, Guerette et al. [31] gave the following approximate expression for the 

diffusion-limited current for nanoband electrode as a function of recess depth (L): 
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     (
     

 
 
    (

    
  )  

 
 

)                    

 

The limiting current comparison between theoretical and experimental for both 

microdisc and microband arrays are presented in Table 3.3. Theoretically, the 

diffusion limited current (ilim) will decrease quickly as the depth of recess increased.  

Table 3.3 Comparison between theoretical current and experimental current for 

microelectrode array of all recess depths

 

Design Recess 

depth/nm 

Equation Theoretical 

current/nA 

Experimental 

current/nA 

Microdisc 

d1 

 

 

d2 

200 

300 

500 

 

Eq. 3.4 

329 

321 

306 

344±5 

328±5 

318±12 

200 

300 

500 

 

Eq. 3.4 

5.47 

4.68 

3.63 

4.9±0.3 

3.9±0.6 

3.3±0.7 

Microband 

b1 

 

 

b1 

200 

300 

500 

 

Eq. 3.5 

 

649 

529±7 

510±28 

517±16 

200 

300 

500 

 

Eq. 3.6 

632 

624 

607 

529±7 

510±28 

517±16 

 

b2 

 

 

b2 

200 

300 

500 

 

Eq. 3.5 

 

17 

13±0.3 

13±2 

14±5 

200 

300 

500 

 

Eq. 3.6 

15.0 

14.1 

12.7 

13±0.3 

13±2 

14±5 

 

                                                           
 The recess depths used in the calculation were taken from the estimation of the fabrication aspect, 
i.e. not determined/measured from the SEM. 
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Table 3.3 (continued) 

Design Recess 

depth/nm 

Equation Theoretical 

current/nA 

Experimental 

current/nA 

Microband 

b3 

 

 

b3 

200 

300 

500 

 

Eq. 3.5 

 

9.4 

0.06±0.002 

0.06±0.003 

0.07±0.001 

200 

300 

500 

 

Eq. 3.6 

4.53 

3.71 

2.73 

0.06±0.002 

0.06±0.003 

0.07±0.001 

 

A good agreement between experimental and theoretical data with acceptable 

standard error was found for microdisc array of d1 and d2. For the microband array, 

the discrepancy of theoretical limiting current calculation without and with 

considering the recess depth (Eq. 3.5 and Eq. 3.6 respectively) varied from 2-7% for 

200 nm recess depth, 11-25% for 300 nm recess depth and greatly affected the 500 

nm recess depth with 50-71% difference. It is thus prudent to take into account the 

recess depth when calculating the limiting current especially when dealing with large 

recess depth. Using Eq. 3.6 that considers the recess depth for the microband design, 

both b1 and b2 have the experimental limiting current within the close vicinity to the 

theoretical ones.  

However, the current measured for the b3 is 100 times lower than expected. Such 

negative and large deviations for smaller width dimension of nanoband have been 

observed and reported before by several other groups [2, 30, 33]. The decrease of the 

current might due to the overlapping of the diffusion layers of neighboring 

microelectrodes in an array hence the behaviour of the array becomes that of a 

macroelectrode and the voltammograms tail off due to planar diffusion [25, 36]. The 

correlation graph of the experimental current and theoretical current obtained for all 

the silicon-based microelectrode array designs is presented in Fig. 3.17.  
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Figure 3.17: Correlation between experimental current and theoretical current for all 

the microelectrode designs and recess depth thicknesses. Inset: Correlation graph for 

1 μm microdisc (d2), 1 μm microband (b2) and 100 nm microband (b3) arrays. 

 

The limiting current can be plotted as a function of the geometrical parameters (i.e. 

radius and recess) to study the relationship and correlation of both. For a recessed 

interface, a linear dependence can be observed if the limiting currents are plotted 

against the term  r
2
/(4L+ r) for microdisc and 1/ln (64Dt/w

2
)/2π)+L/w for 

microband. For microdisc, the experimental limiting current obtained did not deviate 

greatly from the theoretical ones (Fig. 3.18A) with excellent R
2 

value equal to 

0.9997. This indicates that there were no overlapping of diffusion current as it was 

proved by the steady-state voltammogram. Hence the spacing between the microdisc 

in the array is sufficient to allow each individual electrode to have an independent 

hemispherical diffusion profile.  

For microband electrode array, the experimental currents obtained for b1 are 14-18% 

less compared to the theoretical limiting current. Such negative deviation may 

suggest that overlapping diffusion profile has taken place for b1, hence reducing the 

effect of individual diffusion profile/current. Together with the inclined peak-shaped 

voltammogram, these may be related to the closer spacing between the bands [2]. On 

the other hand, the b2 experimental limiting current are in close agreement with the 
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theoretical values. Overall the R
2 

found for the microband experimental current 

(Fig.3.18B) is still excellent. 

 

 

Figure 3.18: The theoretical limiting current (red line) and experimental limiting 

current (blue line) as a function of the electrode geometrical and dimension for (A) 

microdisc and (B) microband array. 

 

In the case of microband array, the recess depth (L) to the width (w) ratio also had 

impact on the limiting current [5, 37]. For band electrodes with L/w ratio ≤ 0.5 (b1 

and b2) the observed limiting currents were in good agreement with the calculated 

ones. However, as the L/w exceeded 1 (b3), the experimental current obtained 

progressively deviated from the theoretical current with distorted CV. Similar results 

whereby the experimental currents observed were greatly less that the calculated 

values for nanoband array with approximately 100 nm bandwidth also have been 

reported before [2]; and several groups also seconded that as the width/dimension of 

electrode becomes smaller, the deviation becomes greater [30, 33] and the 

voltammetric wave-shape worsen [27, 31]. 

It is interesting to note that the deviation is not specific to the type of material used 

for nanoband electrode [33],  instead the deviation is attributed more to the shielding 

effect or electrode surface roughness from excess overhanging metal, cracks, 

recesses or delamination which add uncertainty to the actual exposed surface area 

[31].  
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The comparison for limiting current between silicon-based and glass-based 

microelectrode array at 200 nm recess depth is given in the table below. The limiting 

current for microband was calculated using Eq. 3.6 that considered the recess depth 

(L) measurement.  

 

Table 3.4 Comparison between experimental current obtained for silicon-based and 

glass-based microelectrode array at 200 nm recess depth 

Design Theoretical 

current (nA) 

Experimental current (nA) 

Silicon-based 

microelectrode array 

Glass-based 

microelectrode array 

d1 329 344±5 339±46 

b1 632 529±7 449±12 

 

The experimental limiting current for 10 μm disc glass-based microelectrode array 

was closed as obtained for the silicon-based, and in excellent agreement with the 

theoretical current. Two chips of glass-based microelectrode were used for the 

measurement hence explaining the large standard deviation. For the band array, the 

current observed for glass-based microelectrode array was 15% less compared to the 

silicon-based and 29% less from the theoretical current. The decrease in current for 

the glass-based band array could be attributed to the scratch on the bands as seen 

from the previous SEM image (Fig. 3.7) thus affecting the active gold layer surface. 

Furthermore only one chip was available for the measurement. The reading of the 

limiting current could be achieved better if we had more than one chip of glass-based 

band microelectrode for the measurements. By having more than single chip also will 

allow us to verify the fabrication consistency from one chip to another.   
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3.4.3 Influence of the Scan Rate 

Apart from the disc-to-disc distance (d) and the radius of the microdiscs (r) that 

influenced the diffusion profile of a microelectrode array, the scan rate (v) factor also 

is of importance. The scan rate (v) gives an insight of time dependence for the 

diffusion of electroactive species to the microarray.  

The summary of the limiting current with various scan rates (5 mV s
-1

 to 500 mV s
-1

) 

for designs d1, d2, b2 and b3 of all recess depth is presented in Fig.  3.19. The d1 

design was strongly independent of the scan rate regardless of the recess depth whilst 

limiting current for d2 depended on the recess depth. Although various theoretical 

studies have been made to find the centre-to-centre spacing, d, value to exclude the 

possibility of shielding effect, it was reported that regardless of the d size, there will 

still be diffusion overlapping at certain scan rates [38]. The diffusion layer at disc 

electrodes continued to enlarge with the square root of time hence at higher scan rate, 

the diffusion control dominated leading to the higher current. 

In the case of d2, it was seen that the linear dependence of the current in accordance 

with the scan rates deteriorated as the disc recess depth increased. According to 

Bartlett & Taylor (1988), at short times (high scan rate), when linear diffusion 

dominates, all of the curves converge to the Cottrell expression. At long times (low 

scan rate), radial diffusion becomes important and the currents tend to a steady state 

value. This steady state value decreased as the depth of the recess increased. The 

time when the current response changed over from cottrellian behaviour to steady 

state behaviour increased as the depth of the recess increases. This is expected 

because this change will occur for the deeper recesses when the concentration 

polarisation reaches the mouth of the recess [39].  Furthermore, as the recess depth 

becomes deeper, the hemispherical diffusion (non-linear) becomes less dominate and 

only linear diffusion prevails within the recess aperture. 
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Figure 3.19: Influence of scan rate towards limiting current for microdisc array (top 

row) and microband array (bottom row) with critical dimensions of 10 μm and 1 μm. 

Scan rate study was conducted in 1 mM FCA in PBS.  

 

The microband design of b1 and b2 on the other hand were both scan-rate dependent. 

For b2 particularly (1 μm microband), passivation layer thickness did affect the 

limiting current where it was observed that as the recess depth increased, the limiting 

current was reduced. In opposition to the quasi-steady-state regime usually expected 

at microband electrode, Amatore et al. reported that microband did reach a steady-

state at longer times even in the presence of natural convection [40]. This derived 

from the microband design itself that can serve both as microscopic dimension (the 

width) or but macroscopic (the length) thereby resulting in larger currents [41]. 
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Therefore, mass transport at microband is able to shift from linear to radial diffusion 

in accordance with the timescale of the experiments.  

The experimental results for b2 were confirmed with COMSOL simulation

 for a 

single 1 μm band. Overlapping diffusion zones is thus not considered in this case. In 

the simulation, three types of surface were studied i.e. co-planar (inlaid surface), and 

surface with recess depth of 100 and 200 nm. As one can see, the forward scan of the 

CV exhibited sigmoidal shape for the lower scan rate of 10 mV s
-1

 (Fig. 3.20a) and 

peak-shaped forward scan CV at higher scan rate (500 mV s
-1

) (Fig. 3.20b).  

 

 

Figure 3.20: Simulations made for b2 microelectrode design with different recess 

depth for (a) lower scan rate (10 mV s-
1
); and (b) higher scan rate (500 mV s

-1
). 

 

These simulation patterns were in agreement with the experimental curves obtained 

for the b2 microelectrode design at 200 nm depth recess (Fig. 3.21) and are in 

accordance as suggested by Nagale & Fritsch [30]. However, in Arrigan & co-

worker’s study that employed a single nanoband and array of five nanobands, there 

was no increase in faradaic current or change in wave shape observed for either 

nanoelectrode design within the potential sweep range 5-100 mV s
-1 

[2] which is 

contrary with our finding. The type of behaviour attained by Arrigan’s group can be 

attributed to the sufficiently large interelectrode distances [34].   

                                                           
CV simulation was carried out by Dr. Jorg Strutwolf, Tyndall National Institute, in November 2011 
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Figure 3.21: CV obtained for b2 microelectrode array for recess depth of 200 nm for 

(a) lower scan rates; and (b) higher scan rates in 1 mM FCA in PBS. It was observed 

that sigmoidal CV took place at the low scan rate and as the scan rate increased, the 

CV shifted to peak-shaped voltammogram.  

 

Similar to the b2 design, b3 also is scan rate-dependent and exhibited peak-shaped 

CV at higher scan rate (Fig. 3.22). However as discussed earlier, CV for b3 (100 nm 

disc array) exhibited large capacitive background at higher scan rate more than 50 

mV s
-1

 that could be addressed to the ‘leaky’ nanoband electrodes. The high 

capacitance effect of the edge band electrodes of 71.2 nm width at higher scan rate 

also have been reported before, indicative the defect of the silicon nitride passivation 

layer [30].  
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Figure 3.22: CVs for b3 microband array at different scan rates for Si3N4 thickness 

of (a) 200 nm; (b) 300 nm; and (c) 500 nm in 1 mM FCA in PBS. The capacitance 

CV starts trending from scan rate of 50 mV s
-1

. 

 

3.4.4  Electrochemical Impedance Spectroscopy Study  

Despite the gaining attention and applications of the electrochemical impedance 

spectroscopy (EIS) technique, there is still lack of papers published in relation with 

EIS and microelectrodes, particularly microelectrode array and specifically recessed 

microelectrode array.  Most of the publications available to date merely dedicated to 

theoretical work and simulation on planar microelectrodes [42, 43] due to the 

software limitation involving recessed boundaries [44]. 

Herein, we reported EIS experimental work carried out on the disc and band 

microelectrode array. The equivalent circuit models for both designs were then 

deduced based on the appropriate references. Due to the aging factor

 of the silicon-

based microelectrode array of and 1 μm and 100 nm disc, only EIS results of 10 μm 

critical dimension will be presented here.  

 

                                                           
 To be discussed in detail in Section 3.4.6  
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Microdisc Array Impedance Spectra 

The EIS spectrum of the 10 μm microdisc (d1) with the three different recess depth 

(L) is first presented (Fig. 3.23). The curves for the microdisc array appeared as 

flattened semi-circles and this correlates well with simulation work for a recessed 

disc microelectrode reported by Ferrigno & Girault (2000) [44].  

 

 

Figure 3.23: Impedance spectra for d1 microdisc arrays with different passivation 

layers in 1mM FCA in PBS. Frequency range 0.01 Hz -1 MHz and applied amplitude 

0.01 V for all arrays. Inset: EIS at frequency 200-200,000 Hz. 

 

In general, impedance plot at high frequency (left region on the Nyquist plot) reflects 

the charge transfer involving non-Faradaic process. Low frequency (right region on 

the Nyquist plot) on the other hand is indicative on the diffusion mass-charge transfer 

and associates with Faradaic reaction. Contrary to the situation on a macro 

dimension, the flux at microelectrode reached a non-zero steady-state value (Fig. 

3.24). This is expressed by the impedance diagram that approaches the real axis (Z’) 

at low frequencies in comparison with the typical straight diffusion line as obtained 

at macroelectrodes [45]. The steady-state value (i) decreased as recess depth, L, 

increased hence the switching time from Cottrellian behaviour also increased 
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accordingly [39]. Given at a very long time i.e. the lowest frequency range (0.1- 0.01 

Hz), a linear diffusion could be seen especially at the disc of 500 nm recess depth. 

This could be attributed to the prevailing linear diffusion within the recess. As 

follows from Fig. 3.23, as the L increased, the Warburg impedance at the lowest 

frequency became more obvious. The increment of recess depth also has resulted in 

an increase of both ohmic resistance (real impedance component, Z’) and capacitive 

reaction (imaginary impedance, -Z’’). 

 

Figure 3.24: The breakdown of Cottrell equation for both inlaid and recessed 

microdisc. Steady-state behavior is achieved at longer time. Taken from Ref. [46].  

 

For a small recess depth, the recessed microelectrode performs as an inlaid microdisc 

electrode where the diffusional impedance is similar to the impedance of a microdisc 

electrode. However as the L increased, the spherical diffusion occurring at the edge 

of the microelectrode is reduced; the linear diffusion dominates in the recess and the 

diffusional impedance evolves to the Warburg impedance [47]. This is reflected by 

the ‘shoulder’ or ‘hump’ presence at medium to high frequency range particularly for 

the recess depth 500 nm (200 -200,000 Hz)  as shown in inset of Fig. 3.23. The 

diffusion profiles at the microelectrode thus involved more than one diffusion type 

i.e. semispherical diffusion at high frequency domain and linear diffusion within the 

recess trench at the lowest frequency range. This is in accordance with experimental 

and theoretical work conducted by Gabrille et al. (2006) [48].  
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The planar diffusional impedance of macroelectrode is a function of the angular 

frequency (ω) but in the case of microelectrodes, it is a function of the dimensionless 

parameter (r
2
ω/D). As the consequence, the radius of the microelectrode becomes a 

kinetic parameter of the studied electrochemical system [49]. Therefore, in the case 

of microelectrode, it is not possible to calculate the usual parameters associated to 

EIS such as Rs, Rct and Cdl from equations used for macroelectrodes as these 

equations  are only applicable in case of planar diffusion.  

In the case of planar diffusion associated inlaid disc electrode, the fmax value can be 

determined from the Eq. 3.7 below [50]:  

                  
 

  
                  

where D  is diffusion coefficient (5.7 × 10−6 cm
2
 s

-1
) and r is a disc radius                       

(5 x 10
-4

 cm for the case of 10 μm microdisc).  The fmax calculated was 9.11 Hz for an 

inlaid 10 μm microdisc. 

We now consider the microdisc with the thinnest passivation layer (200 nm) and 

calculate its fmax value. Supposedly the thinnest passivation layer behaved like an 

inlaid one, the fmax should be of the same value. However the fmax was found to be 

2.63 Hz which is obviously deviate greatly with the calculated value. Such frequency 

dispersion, generally attributed to a “capacitance dispersion” is usually expressed in 

terms of a constant-phase element (CPE) in an equivalent circuit model [51]. In his 

textbook, Lvovich (2012) has outlined that variability in the thickness and 

conductivity of surface coating associated with three-dimensional (3-D) distribution 

is one of the processes that may lead to the CPE representation [52].  

The equivalent circuit suggested for d1 design, based on its associated profiles of 

diffusion is presented in Fig. 3.25. Similarly an equivalent circuit model also has 

been proposed in 2006 for recessed microelectrode [48]. The ZM was accounted for 

spherical diffusion opening of the recess aperture whilst ZDIFF or Zw (Warburg 

impedance) can be attributed to the linear diffusion that prevailed within the recess 

trench at a low-frequency range.  
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Figure 3.25: Equivalent circuit model suggested for 10 μm microdisc array.  

 

The impedance of d2 however will not be discussed here due to aging factor of the 

microelectrode at smaller dimensions. This is exhibited by the sluggish CV obtained 

after several usages. Furthermore the EIS spectra from one microelectrode of the 

same recess depth varied greatly to another.  A simulation however was carried out 

in order to study the smaller radius impact on impedance curve on an inlaid disc (Fig. 

3.26). For the simulation on the ideal impedance measurement, the following 

equations were used as established by Fleischmann and co-workers (1991) [42]: 

 

 

where Zd is the diffusion impedance, Re(Zd) and Im(Zd) are the real and imaginary 

parts of Zd respectively, R is the gas constant, T is the temperature, and Φ4 and Φ5 are 

tabulated functions [42]. The magnitude of diffusion impedance was observed to 

increase inversely with the electrode radius. Such behavior also has been verified by 

other researcher’s simulation on microelectrode embedded in a thin-layer cell [48]. 

 



132 
 

 

Figure 3.26: Simulated diffusion impedance spectra for a planar macroelectrode and 

microelectrodes with diameter 10 and 1 μm. 

 

Microband Array Impedance Spectra 

For the microband electrode (b1) on the other hand, a semi-circle region followed by 

a straight line at low frequency was observed (Fig. 3.27). The patterns were similar 

regardless of the recess depth. Although it was previously reported that only linear 

diffusion is possible for a recessed microband electrode [29], our earlier CV study 

and simulation has revealed that a mixed diffusion profile (linear  at slow and radial  

at fast diffusions) were suggested for both b1 and b2. This assumption is valid as 

microband array possess both micro and macro dimensions [40, 41].  
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Figure 3.27: Impedance spectra for b1 microband in 1 mM FCA in PBS. Frequency 

range 0.01-1 MHz and applied amplitude 0.01 V for all recess depths.  

 

According to Kovach et. al (1985), the diffusion to an electrode surface is a function 

of the electrode geometry and the electrode size [53]. As the width of the b1 consist 

of smaller dimension (10 μm) which is opposed to its length (500 μm), the diffusion 

profile at these edges were of approximated with radial diffusion. On a planar band 

electrode, this non-linear diffusion effect could be prominent [53, 54] but since our 

microband insulated down in the recess, linear diffusion also may took place in this 

case (Fig. 3.28).  

 

Figure 3.28: Approximation of spherical diffusion at band’s width (microscopic) and 

linear diffusion within the band’s length (macroscopic) on the electrode embedded in 

passivation layer (not to scale). 
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The first semi-circle of the impedance can be attributed to charge-transfer process 

and spherical diffusion on the band that occurring at high frequencies i.e. shorter 

times. However, due to the nature of the macroscopic length of band and the recessed 

area, the diffusion associated with the Warburg impedance emerged at lower 

frequency (1 Hz – 0.01 Hz) that correlates well with linear diffusion happening at 

longer times scale reported [40].  

Similar to the microdisc array, due to this mixed diffusions profile; the parameters 

such as Rs, Rct and Cdl could not be determined from this band array impedance 

spectra by using equations obtained for macroelectrodes.. The aging and factor of the 

smaller microdisc array dimension of 1 μm also were found to be recurring at the 

microband hence the results of these dimension were not presented in this thesis. The 

previous suggested equivalent circuit for the microdisc array hence could be applied 

in the case of microband array. 

 

EIS Comparison Between Silicon-Based and Glass-Based Microelectrode Array 

The EIS for the glass-based microdisc array was also compared to the silicon-based 

disc array of the same recess depth (200 nm) (Fig. 3.29).  It was found that glass-

based microdisc array exhibited higher ohmic resistance than the silicon-based 

microdisc. This could be attributed to the dead electrodes presence in the silicon-

based microdisc [8, 24, 55].  

 

Figure 3.29: EIS comparison for glass-based (red marker) and silicon-based (blue 

marker) for (a) 10 μm microdisc array and (b) 10 μm for microband array in 1 mM 

FCA in PBS. Both microelectrode arrays have recess depth of 200 nm. Frequency 

range 0.01-1 MHz and applied amplitude 0.01 V for all recess.  
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The EIS curve for microband electrodes for both substrates on the other hand showed 

a good and similar shape. These studies indicated the performance of the glass-based 

microelectrode is as good as the silicon-based in terms of CV and EIS at 10 μm 

dimension. 

 

3.4.5 Influence of Recess Depth on CV and EIS Experiments 

The influence of the silicon nitride thickness on both CV and EIS was studied. The 

relative current is plotted for the different thicknesses for the microelectrodes of d1, 

d2, b1, b2 and b3 (Figure 3.30). Theoretically, the diffusion limited current decreases 

as the depth of recess increases. Silicon nitride thickness has very little influence on 

the current for the designs with bigger diameter for microdisc or recess depth to 

width (L/w) ratio for microband. However, for the electrode where the radius disc is 

in the same range as the recess depth (d2 design where r = 500 nm and the recess is 

200, 300 or 500 nm), the impact is the most pronounced with a loss of up to 50 % of 

the electrochemical response.  

 

 Figure 3.30: (A) Normalised current recorded for d1, d2, b1, b2 and b3 

microelectrodes for the different silicon nitride thicknesses; (B) The effect of recess 

depth is more pronounced in d2 CV 

 

In terms of EIS, the recess of the microdisc array was shown to have impact on the 

EIS curve. With an increase of the recess, both ohmic and capacitance impedance 

components increased accordingly. The microband arrays’ EIS spectra did not 

exhibit significant difference for each recess depth. We can relate this with the 
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percentage of the recess over the electrode’s aperture in which for the disc array case, 

the percentage is 2%, 3% and 5% for the recess depth 200 nm, 300 nm and 500 nm 

respectively. However for the microband array, the percentage of recess over the 

electrode’s aperture (band’s length) is 0.04% for 200 nm recess, 0.06% for 300 nm 

recess and 0.1% for 500 nm recess. The contribution of electrode recess to the cell 

impedance becomes negligible small and hence the recess factor may be omitted. 

However it was reported by Suh & co-workers that recessed silicon dioxide of band 

electrode may increase the cell capacitance [56].  

 

3.4.6 Influence of the Nature of the Substrate 

The study employing silicon-substrates and glass-substrates have allowed us to 

compare the fabrication and performance of the arrays on both substrates. Each 

substrate has its own advantages as well as disadvantages. It was found that silicon-

based microelectrode array is compatible with both photo-lithography and e-beam 

lithography techniques. The major concern however is the aging factor and storage 

stability of the silicon-based microelectrode arrays especially those of smaller 

dimension. While 10 μm microdisc and microband exhibited good and promising 

results, the performance for 1 μ and 100 nm of critical dimensions were found to be 

sluggish and deteriorated over time. Such failure could be due to mechanical stress, 

film defects, chemical/electrochemical reactions or even combination of mechanical 

stress and chemical interaction [15]. Fig. 3.31 showed two images on a device prior 

and after electrochemical testing.  
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Figure 3.31: Pristine condition on an untested 1 μm silicon-based microband array 

(left) and cracks and delamination observed on a tested 1 μm band (right). 

 

According to Schmitt et al. (1999), application of silicon based sensors is often 

hampered as they fail too fast (within minutes or only a few hours) when used in 

liquid media, particularly electrolyte solutions [57]. The barrier properties of 

passivation layers against chip degradation on exposure to electrolyte solutions were 

investigated in 1 M NaCl solution at pH 7. It was found that inorganic passivation 

layer (SiO2, Si3N4 and duplex layer) exhibit poor protection (Fig. 3.32).  

 

 

Figure 3.32:  Corrosion resistance of several passivation layers over hours studied in 

1 M NaCl by Schmitt and co-workers. Taken from Ref. [15].  
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For the glass-based microelectrode array on the other hand, the e-beam fabrication on 

the substrate were found to be more complicated. We also have handling issues with 

the glass-substrates as the dicing process resulted in broken electrodes due to the 

fragility and brittle nature of the glass itself (Fig. 3.33). At the same time, there was 

no significant difference observed in electrochemical performance between the 

microdisc arrays on silicon and glass substrates. Therefore, glass-substrate was not 

considered for further studies and subsequent fabrication of microelectrochemical 

cells.   

 

 

Figure 3.33:  The broken microelectrode array on the fabricated glass wafers after 

dicing process.  

 

3.5 Chemically Modified Electrodes for Recessed Microelectrode Array 

In this second part of the chapter, we will look into the chemical modification on the 

fabricated silicon-based microelectrode arrays. The 10 μm microband and microdisc 

array were selected in this study due to their stability and reproducibility. Unlike the 

conventional modification involving dip-coating steps, we are venturing into 

electrochemical deposition techniques for the chemical modification on the 

microelectrode array surface. Electrochemical deposition approach is of interest as it 

selectively modified the area of interest without smearing the passivation tracks or 

unwanted area.  
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Two methods of chemical modification were carried out, namely electrochemically 

assisted self-assembly formation of sol-gel on microband array and gold nanoporous 

electrodeposition on microdisc array. These two methods were chosen as to our 

knowledge these two modification methods have not been applied to recessed 

microelectrode array to date. Furthermore, these methods would be interesting in 

biosensor application as both sol-gel silica film and nanoporous gold are widely used 

for biomolecule immobilisation matrix [58-60]. The modified recessed 

microelectrode array were characterised using both optical and electrochemical 

techniques. This preliminary study will provide potential insights on various 

chemical modifications that can be performed on the silicon-based recessed 

microfabricated electrode array for further biosensing applications. 

 

3.5.1 Electrochemically Assisted Self-Assembly of Silica Film 

Extensive reviews on silica-modified electrodes particularly sol-gel for biosensor 

application have been published by Walcarius within the first decade of year 2000 

[61-64] and Gill & Ballesteros [65]. To date, microelectrode modified with sol-gel 

network were achieved by the means of submersion/dip-coating [66-69], drop-

coating [70, 71], spin-coating [72], mixing the sol-gel derived ceramic material 

homogenously with graphite powder to produce ceramic composite electrodes [73]; 

and  electrodeposition of sol-gel films [74], sol-gel mixture with entrapped enzymes 

[75-78] and organic/sol-gel hybrid [79]. An approach of using the sol-gel ink in 

direct-write assembly fabrication of indium-tin oxide also have been reported [80]. 

Although both dip-coating and drop-coating techniques are straight-forward and 

simple, nevertheless the major concerns associated with these techniques are that 

they are confined to flat surface and the lack of selectivity [62]. Under these 

circumstances, the sol-gel electrodeposition technique lends itself well in offering 

tunable and controlled film thickness formation on an electrode surface. The work on 

electrodeposition of sol-gel films have been initially described by Shacham et al. in 

1999 [81] and the scope of study has been extended by Walcarius and co-workers 

[82, 83]. The thickness of the electrochemically deposited sol-gel layers usually 

ranging from several to hundred micrometers [75]. By applying galvanostatic 
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conditions (i.e. controlling the current) and varying the deposition time, thickness of 

the films can be accurately controlled and problems with overpotential can be 

eliminated [84].  

A more ordered electrodeposited sol-gel structure could be accomplished by 

surfactant-templated silica film on electrode surface via electrochemically assisted 

self-assembly (EASA). The idea behind the template-based film is to increase the 

electrode surface roughness thus maximising the surface area for reaction to take 

place [85].  

The general approach of EASA is similar to the two-step of sol-gel preparation 

procedures involving hydrolysis of the alkoxide at pH 3 (Eq. 3.10) followed by 

condensation of hydrolysed monomer at pH 9. The condensation leads to the 

formation of a Si-O-Si bond with the elimination of a water or an alcohol molecule 

(Eq. 3.11a and 3.11b). In EASA, the pH is being increased by inducing negative 

potential to the electrode surface [81].  

 

Si(OR)4 + 4H2O → Si (OH)4 + 4ROH      …(Eq. 3.10) 

Si(OH)4 + Si (OH)4 → (OH)3Si-O-Si(OH)3 + H2O      …..(Eq. 3.11a) 

Si(OH)4 + Si (OH)4 → (OH)3Si-O-Si(OH)3 + ROH      …(Eq. 3.11b) 

 

The most common precursors for silica are tetramethoxysilane, Si(OCH3)4, (TMOS) 

and tetraethoxysilane, Si(OC2H5)4, (TEOS) (Fig. 3.34).  

 

 

Figure 3.34: Chemical structure of (a) TMOS and (b) TEOS. 

 

(a) (b)
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In this EASA study, the mesoporous silica films were first formed on the electrode 

surface by immersion in a pre-hydrolysed precursor solution containing 

tetraethoxysilane (TEOS) and cationic surfactant of cetyltrimethyl ammonium 

bromide (CTAB) at pH 3 (Fig. 3.35 top row). A cathodic potential is then applied, 

increasing the pH and generating hydroxyl ions at the electrode/solution interface. 

This resulted in the precursors condensation and concomitant growing of a 

surfactant-templated mesoporous silica film (Fig. 3.35 bottom row).  Besides served 

as template, CTAB also have long been reported in sol-gel preparation as to prevent 

fracture in the film formation [86] and to stabilize the microscopic structure of the 

material upon heat-drying [87].  

 

 

Figure 3.35: Illustration of EASA method in generating ordered and oriented 

mesoporous silica films on an electrode surface. Taken from Ref. [83]. 

 

EASA Silica Film on Gold Surface 

The initial approach of electrochemically assisted self-assembly (EASA) of sol-gel in 

this study was first demonstrated on a 1 mm gold disc electrode surface. CTAB and 

TEOS precursor ratio of 0.32 was employed; as suggested by Goux et al. [84] in 

order to attain an aggregate-free thin films. Fig. 3.36 shows the comparison of the     

1 mm disc gold electrode on an unmodified surface with the electrode after 

electrodeposition of organosilica film. As can be seen, the apparent advantage of 
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EASA deposition is that the sol-gel was being selectively deposited into the desired 

electroactive working electrode areas without smearing the edges or unwanted areas 

of the insulating part. The successful deposition of the silica film on the electrode 

surface in this case can be indicated by changes of the electrode surface colour from 

pale yellow to bright yellow.  

 

 

Figure 3.36: Comparison of colour changes observed at 1 mm gold disc electrode 

surface on an unmodified electrode (left) and on electrode after sol-gel 

electrodeposition (right). 

 

For more detailed characterisation, cyclic voltammetry (CV) experiments were 

carried out to investigate the coverage of the electrodes with organosilica films. 

Comparison of the solid line (CV of the bare gold electrode prior modification) with 

the dotted lines (CV of the modified electrode) is shown in Fig. 3.37. The change in 

the CV indicates the presence of the surfactant-templated silica film on the gold 

electrode. These patterns are similar as reported by Walcarius and co-workers [82]. 

The shift of the oxidation peak by ca. 200 mV after the sol-gel electrodeposition was 

explained by Etienne and co-workers [88] where they considered that the neutral 

redox ferrocene methanol (FcMeOH) has been incorporated into the liquid crystal-

like surfactant template via solubilisation and accumulation. The shift in peak 

potential also agrees well with the electrochemical behaviour of ferrocene derivatives 

solubilised in CTAB [89].  

After an overnight aging at 135°C, the CV response decreased suggesting that the 

solubilised and accumulated FcMeOH has dried out, leaving only the sol-gel films on 
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the surface. After the surfactant-template removal, the accessibility through the 

organosilica film was observed almost similar to the unmodified electrode with CV 

peaks appearing at the same potential values. While this may indicate the 

permeatibility of FcMeOH on the organosilica film via the developed mesoporous 

channels, it also may propose desorption of the whole sol-gel network.  

 

 

Figure 3.37:  Electrochemical monitoring of the permeability of the mesostructured 

films. CV recorded in 5 mM FcMeOH in 0.1M NaCl (scan rate 50 mVs
-1

) with 

unmodified gold electrode (solid blue line), electrode covered with the 

electrodeposited silica film (red dashed line), after aging overnight (green dashed 

line) and after surfactant removal via HCl ethanolic rinsing (purple dashed line). 

Potential achieved: ~-1.5 V, deposition time= 8 secs. 

 

An additional step was then introduced in order to improve the formation and 

adhesion of the sol-gel particularly on gold electrode surface. This was achieved by 

pre-treating the gold bare electrode surface with a self-assembly partial monolayer 

with mercaptopropyltrimethoxysilane (MPTMS) as the thiol-functionalised silica 

before transferring the electrode into the sol containing CTAB/TEOS:MPTMS 

(90:10) precursors. The formation of SAM of MPTMS on gold has been proven to 

act as “molecular glue” between the gold electrode surface and sol-gel derived silica 

films [90, 91] as shown in Fig. 3.38.  
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 Figure 3.38: Schematic drawing showing the formation of sol-gel surface layers 

based on the self-assembly of thiol-containing gels. Taken from Ref. [91]. 

 

The formation of MPTMS self-assembled partial monolayer on the gold surface was 

originated from the chemisorptions of strong interaction between the thiol and gold. 

This monolayer however is still permeable to redox probe in solution due to the non-

perfectly self-assembled MPTMS layer which derived from the short contact time for 

MPTMS on the gold surface.  

The CVs after MPTMS–sol-gel film formation followed by ageing and surfactant 

template removal were recorded as shown in Fig. 3.39. The CV after the MPTMS-

sol-gel electrodeposition exhibited a shift to a more positive potential indicating the 

solubility of the CTAB in FcMeOH as described previous. Upon aging and drying 

overnight, the sol-gel film seemed to be more repellent as the thiol-functionalised 

films are hydrophobic hence inducing additional restriction to the mass transport. A 

better access to the electrode surface was observed after the surfactant template 

removal which suggests that the template of CTAB surfactant has been successfully 

removed but the MPTMS with organosilica remained on the gold surface.  
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Figure 3.39:  CVs of the unmodified gold electrode (solid blue line), 

electrodeposition of CTAB/TEOS:MPTMS precursors on the surface (red dashed 

line), after aging overnight at 135C  (green dashed line) and after surfactant 

template removal (purple dashed line). CV recorded in 5 mM FcMeOH in 0.1M 

NaCl (scan rate 50 mV s
-1

). Potential achieved after deposition time of 8 secs was         

-1.3 V.  

 

The SEM images of the unmodified surface and the modified surface with silica film 

formed on the gold surface are shown in Fig. 3.40. The diameters of the silica film’s 

spheres were in the range of 380-750 nm. The EDX spectra showed a substantial 

level of Si, O and Cl in comparison with the unmodified electrode. This indicates the 

successful formation of the sol-gel layer (Si and O peaks). The Cl peak on the other 

hand attributed to the sol solution (NaCl). We have also attempted to capture the 

image using transmission electron microscopy (TEM), however the monolith 

collapsed as soon as it was being exposed under the scope. It was suggested later that 

the layer need to be coated with platinum before undergo the TEM imaging. The 

collapsing also could be avoided by depositing thinner silica film (i.e. shortening the 

deposition time of sol-gel). 
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Figure 3.40:  Top row: SEM images of unmodified and modified with silica film 

gold electrodes; surface tilted to 60°. Bottom row: EDX spectra of the respective 

electrodes. 

 

EASA Silica Film on Recessed Microband Array 

In early 2013, it has been proven that the EASA deposition method had been 

successfully applied to electrodes with various morphology, geometry and size, 

namely macroelectrode, microwire, microdisc and Au-CD-trode [83]. However the 

electrodeposition of silica film on recessed microband array has not been assessed to 

date.  

It was observed that applying the same current density of -0.74 mA cm
-2

 as on earlier 

study on microelectrode array did not lead to the sol-gel electrodeposition although 

the deposition time was prolonged from 8 seconds to 16 seconds (Fig. 3.41). The 

recess microband depth was still the same which signifies that there is no sol-gel 

layer on the surface. 
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Figure 3.41:  SEM images before and after the electrodeposition. Images were taken 

at the same spot of the particular band to assess the surface modification.  

 

No significant CV changes were observed as well after the sol-gel electrodeposition 

and ageing overnight steps (Fig. 3.42). The CV after the surfactant template removal 

also was similar to the blank electrode prior the modification. Hence it can be 

concluded that no sol-gel layer was formed during the whole process. Furthermore, 

the potential achieved for the electrodeposition was -0.84 V and did not reach -1.3 V 

for the hydrolysis potential [81].  

 

 

Figure 3.42: CVs of the unmodified microband array (solid blue line), 

electrodeposition of CTAB/TEOS:MPTMS precursors on the surface (red dashed 

line), after aging overnight at 135C  (green dashed line) and after surfactant removal 

(purple dashed line). CV recorded in 5 mM FcMeOH in 0.1M NaCl (scan rate 50 

mVs
-1

). Potential achieved after deposition time of 16 secs was -0.84 V, current 

density -0.74 mA cm
-2

. 

Before electrodeposition: After electrodeposition (t=16 sec)
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It was later learnt that when moving from macro- to smaller electrode dimensions, 

larger current densities need to be applied in ensuring the film deposition. This is 

attributed to the faster loss of the hydroxyl species in the solution for the diffusion 

profile of radial or spherical in microelectrode in comparison with linear diffusion on 

planar macroelectrode [83]. By increasing the current from –0.74 mA cm
-2 

to              

-7.4 mA cm
-2

 for the recessed microband array, the hydrolysis potential of -1.41 V 

has been successfully achieved within 8 seconds of electrodeposition (Fig. 3.43).  

 

 

Figure 3.43:  Potential as a function of time for the different current density applied 

for 10 μm microband array. Lower potential achieved for the sol-gel silica film 

electrodeposition once the current density was increased despite the deposition time. 

The current density hence needs to be increased when moving from a macro 

electrode. 

 

However, from the SEM images it was observed that the silica film formed consisted 

of big granulars (Fig. 3.44). The formation of such big granules could be attributed to 

several factors. Firstly, it was postulated that current density applied being so high 

that the film was formed inside the recess before reaching the surface of the silicon 

nitride thus depositing outside the recess. Interestingly, the cylindrical diffusion 

process that is commonly associated with microband array could be directly observed 

in the SEM image. This could be seen on the cylindrical silica-film formed on the 
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recess. Secondly, the silica film also could be densified during the ageing process 

where the electrode was placed in an oven with temperature of 135°C. Both chemical 

and structural transformations can be related to the physical desorption of water and 

solvents from micropore walls, carbonization and combustion of residual organic 

groups, condensation polymerization, volume relaxation and viscous sintering [92]. 

It is proposed that, during gel densification, the desiccated gel become more highly 

cross-linked while reducing its surface area and free volume [93]. While this effect is 

not prominent on larger surface, a much smaller surface is greatly affected with the 

high temperature. This is seconded by Hench & West [94] in 1990 where they 

reported that the densification temperature decreases as the pore radius decreases and 

surface area of the gels increases. Although Herzog et al. (2013) did not encounter 

this densification when modifying the microelectrodes [83], it is noteworthy to 

mention that the recessed microelectrodes used in this study had different geometry. 

Furthermore, in his study, a fresh sol solution was made on the day of modification 

whereas in the presented study we were using a sol that has been prepared fortnight 

earlier. Although an aged solution plays the least role in forming such formed 

structure, it is advisable to prepare fresh sol solution prior each modification.  

 

 

Figure 3.44: SEM images of unmodified microband array (right) and after 

CTAB/TEOS:MPTMS (90:10) electrodeposition. 

 



150 
 

The CVs of the unmodified microband array and after application of the 

electrodeposition steps are shown in Fig. 3.45. The decrease in CV signal after 

surfactant template removal supported the formation of the silica layer within the 

recess that hinders penetration of the electrons to the gold surface.  

 

 

Figure 3.45: CVs of the unmodified microband array (solid blue line), 

electrodeposition of CTAB/TEOS:MPTMS precursors on the surface (red dashed 

line), after aging overnight at 135C  (green dashed line) and after surfactant removal 

(purple dashed line). CV recorded in 5 mM FcMeOH in 0.1M NaCl (scan rate 50 mV 

s
-1

). Potential achieved after deposition time of 8 secs was -1.41 V, current density    

-7.4 mA cm
-2

. 

 

A fresh solution was then prepared and the electrodeposition on the recessed 

microband array was performed. The microband electrode was left ageing overnight 

at room temperature instead of high temperature in the oven. As can be seen from 

SEM images in Fig. 3.46, smoother silica film with spheres ranging from 300-500 

nm was successfully deposited on gold microband array within the recess trench.  
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Figure 3.46: SEM images of silica beads successfully deposited on recessed gold 

microband array (left) with closed up image (right). 

 

The permeability properties of the films were evaluated via CV and EIS in 5 mM 

ferrocene methanol. From the CV in Fig. 3.47, it can be seen that after an ageing 

overnight, despite being left at room temperature, a film has been successfully 

formed. This is indicated by a low and compressed CV signal that correlates to the 

blocking of electron transfer on the electrode surface. However, after surfactant 

template removal in ethanolic solution, a better permeability of the film was 

observed. Interestingly, the modified microband with silica film still retained its 

microelectrode behaviour. This suggests that the whole band surfaces has opened up 

several template spots that may be in resemblance with disc hence a steady-shaped 

voltammogram was observed.  
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Figure 3.47: CVs of the unmodified microband array (solid dark blue line), after self-

assembly MPTMS for 20 minutes (red dashed line), electrodeposition of 

CTAB/TEOS:MPTMS precursors on the surface (green dashed line), after aging 

overnight at room temperature (purple solid line) and after surfactant removal (light 

blue line). CV recorded in 5 mM FcMeOH in 0.1M NaCl (scan rate 50 mV s
-1

). 

Potential achieved after deposition time of 8 secs was -1.14 V, current density -7.4 

mA cm
-2

. 

 

The EIS study was also carried out to assess the microelectrode behaviour upon 

modifications. An impedance spectrum for a typical unmodified microband array in 

1 mM ferrocene carboxylic acid redox solution would exhibit a shape representing a 

semicircle followed by a straight line at the lowest frequency of 0.01 Hz. In Fig. 3.48 

however the impedance measurements were limited to 0.1 Hz instead of 0.01 Hz thus 

the linear straight line region was not observed. Furthermore, the impedance was 

performed in different redox solution (5 mM ferrocene methanol). Following the 

partial self-assembly of MPTMS, a shift on the impedance took place (inset, top 

diagram). A significant increment of the impedance was seen straight after the sol-

gel and MPTMS electrodeposition. A massive blocking behaviour was observed after 

an overnight aging confirming the hardening of the silica film that blocked the 

electron from reaching the surface. Better permeability occured on the electrode once 

the surfactant template removal was performed. These results are in agreement with 

the results obtained by cyclic voltammetry analysis. While the advantage of 
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microelectrode was maintained after the surfactant removal (steady state CV), EIS 

study has confirmed the change of the diffusion profile on the modified surface. The 

impedance is now tending to straight line indicating planar diffusion on the modified 

electrode. Such behaviour could be attributed to the greater diffusivity of the redox 

solution within the silica film [95]. Similar pattern has been reported also by Wei & 

Hillhouse (2007) for their modified cubic silica films in ferrocene dimethanol redox 

solution [96]. 

 

 

Figure 3.48: EIS of the unmodified microband array (inset, top diagram- blue 

marker), after self-assembly MPTMS for 20 minutes (inset, top diagram- red 

marker), electrodeposition of CTAB/TEOS:MPTMS precursors on the surface (green 

marker), after aging overnight at room temperature (purple marker) and after 

surfactant template removal (grey marker). EIS recorded in 5 mM FcMeOH in 0.1M 

NaCl (0.1-1 MHz). 

 

It was pointed out however that the most concerning issues in modifying the 

electrodes (particularly the on micro dimension scale) are the lack of the 

reproducibility for both film formation and properties [83]. A more detailed study is 

required, for instance to study the thickness of the silica film formed within the 

recess depth as a function of electrodeposition time. With regard to the future 

biosensor application, sol-gel network is reported to be superior medium for enzyme 
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and protein immobilisation/encapsulation in biosensor application. First, this 

technique does not impair the active biology sites on enzymes or proteins, thus 

maintaining their native properties and preserving the reactivities. Secondly, leaching 

or desorption of these entrapped species does not occur or occurs very slowly [58]. 

However due to the limited resources of the microband electrode available and time 

constrain, this was by far the best of the study can be conducted.   Nevertheless the 

results obtained in this chapter show and prove that the EASA technique is plausible 

for surface modification of recessed microelectrode arrays with various geometries 

and dimensions.  

The next mode of chemically modified electrode that will be discussed is the 

nanoporous gold deposition on microdisc array.  

 

3.5.2 Nanoporous-Gold Modified Surface 

The objective of modifying the electrode area with nanoporous gold (NPG) is to 

increase the active surface area of the gold electrode. The sensitivity of biosensor has 

been proven to be improved by making  the surface porous compared to a planar gold 

surface [59, 60].  The porosity allows a larger number of biomolecules attachments 

per surface area resulting in larger signal upon binding with their specifically binding 

analyte molecules. Apart from biosensors, NPG also have widely being integrated in 

catalytic applications i.e. in fuel cells [97, 98] owing to its thermal stability and 

resistance to oxidation. 

The work associated with NPG and microelectrode has been reported by several 

researchers [99, 100] but recessed microelectrode in particular has not been reported. 

In 2005, Kataky and her co-workers have treated their silicon-based recessed gold 

microelectrode array with thiolated cyclodextrin nanocavities ensembles in order to 

mimic the nanoporous electrode behaviour [101] but the work on nanoporous gold 

electrodeposition was not described.  
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The NPG process can be briefly described as follows

. Au0.18Ag0.82 alloy was first 

electrochemically deposited on the electrode surface. To produce the NPG, a 

technique called dealloying was employed. Dealloying is a type of chemical etching 

process that involves selective metal dissolution. Such an approach has been 

described by Forty (1979) [102]. It was reported that noble metal alloys (in this case 

the Au) undergo selective dissolution during anodic corrosion while the less noble 

component (Ag) is dissolved preferentially. This leads to a depletion gilding of the 

less noble species and as Ag atoms are dissolved. Au atoms are then clustered and 

evolved into porous structure. A more detailed mechanism in the dealloying process 

has been modelled by Erlabacher and co-workers (2001) [103]. The alloy 

composition Au0.18Ag0.82 used in this study gives the highest surface area of NPG 

(6.9 m
2
g

-1
) and the shortest NPG ligament size (20-30 mm) when dealloyed in 30% 

nitric acid for 60 minutes [104, 105]. Besides Ag, the use of Zn as the less noble 

metal also has been reported [100].  

The following SEM images show modified 10 μm microdisc electrode array with 

NPG of different thickness. The thickness of the NPG is controlled by the time of 

electrodeposition. Prior to the modification, the microdiscs have recess depths of 917 

nm (for two electrodes) and 735 nm (one electrode). After the modification, NPG of 

three different thicknesses has been successfully deposited (122 nm, 252 nm and 6.8 

μm) (Fig. 3.49). As can be seen, NPG appears as sponge-like 3D structure with 

interconnecting pores with ligaments (Fig. 6.15d). Despite its porous structure, it has 

been shown that NPG can be as strong as bulk Au [103, 106].  

                                                           
 The NPG  electrodeposition work on microdisc array was carried out by Dr. Lorraine Nagle from 
Electrochemical Materials and Energy Group, Tyndall National Institute. 
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Figure 3.49: SEM images of NPG-modified 10 μm microdisc array with 917 nm 

recess depth (a-d): (a) microdisc array after modification; (b) 122 nm NPG deposited 

(c) 252 nm NPG deposited; (d) close-up image of NPG with the joint ligament; and  

modified microdisc with 735 nm recess depth (e-f): (e) disc before modification; (f) 

NPG with 6.8 μm NPG deposition. Images are tilted to 60°.  

 

(a) (b)

(c) (d)

(e) (f)
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The limiting current for the recess depth thickness after modification was calculated 

and compared to the obtained experimental limiting current. The following equations 

describe  the limiting current for both recessed microelectrode array and hemisphere 

electrode [107]. 

For recessed microdisc array, 

      (
        

      
)                  

 

And for hemisphere electrode, 

                               

where where n is the number of electrons involved in the reaction, F is Faraday 

constant (96,485 C mol
-1

), C is the bulk concentration of ferrocene carboxylic acid 

(mol cm
-3

), D is diffusion coefficient (5.7 × 10
−6

 cm
2
 s

-1
), r is the disc radius (cm), L 

is the silicon nitride thickness (recess depth) (cm) and N is the number of the disc 

electrodes in an array. 

The modified NPG microelectrode exhibits highly improved electrochemical 

responses compared to the readily fabricated microelectrode, owing to its high 

surface area. As can be seen from Table 3.5, the experimental limiting currents 

obtained are twice as large as the theoretical limiting current. This has arisen from 

the mass transport of the redox solution occurring through porousity of the NPG 

across the electrode surface.  
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Figure 3.50: CV of the NPG-modified microdisc array of different thicknesses. Scan 

rate 100 mV s
-1

 in 1 mM FCA in PBS pH7.4.  

 

Table 3.5: Comparison between theoretical current and experimental current for 

NPG-modified microelectrodes  

 Theoretical current 

(nA) 

Experimental 

current (nA) 

Initial microdisc recess of 917 nm 

795 nm recess (after 122 nm NPG 

deposited) 

665 nm recess depth (after 252 

nm NPG deposited) 

 

287  

 

295  

 

564.94 ± 44.49 

 

627.01 ±97.08 

Initial microdisc recess of 735 nm 

Hemisphere electrode of 6.1 μm 

(after NPG deposition of 6.8 μm) 

 

543  

 

1160 ± 498.97 

 

Kralj and Dryfe (2001) proposed that the density of the porous material on the 

modified metallic electrode should be taken into account when measuring the 

limiting current [108], giving the following equation for a recessed microdisc: 
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        (
        

      
)                 

where ρ is the pore density of the porous material and A is the area of the metallic 

electrode.  

However since the pore density of NPG have not been known, and what more the 

relative density depends on the foam porosity [109], it was postulated from the 

limiting current calculation that the pore density of NPG deposited in the 

microelectrode array could be 1.26 x 10
6 

pore cm
-2

. This value is within the close 

approximation of the pore density of several other materials reported such as PET 

membrane (1.0 x 10
5
 - 5.5 x 10

8
 pores cm

-2
) [108]. 

From the NPG-modified microelectrodes with recess depth of 795 nm and 665 nm, it 

was found that the current density with regard to the calculated theoretical current 

has increased from 1.16 mA cm
-2

 to 2.29 mA cm
-2

 and from 1.2 mA cm-2 to 2.54 

mA cm
-2

 respectively. In both cases, a current density increment of twice was 

observed. Interestingly, the current density obtained is in the same vicinity as 

reported by Nagle & Rohan (2011) for NPG-modified planar Au electrode (3.1 mA 

cm
-2

). The value for the current density at the unmodified planar Au with 5mm 

diameter macro disc was 2.65 mA cm
-2

 [97]; which indicates that the modified NPG-

recessed microdisc array has a current density that is on par with the macrodisc area. 

For the NPG-modified microdisc electrode with 6.1 μm hemisphere formed above 

the recess, a current density increment of twice was also observed (from 2.2 mA cm
-2

 

to 4.7 mA cm
-2

). 

It was found that the characteristic of microelectrode of having a steady-state CV has 

diminished for the NPG-modified microelectrode with hemisphere NPG formed 

above the recess. A broad and peak-shaped CV that corresponds to a macroelectrode 

CV was attained at scan rate at 100 mV s
-1

.  The respective EIS also has the lowest 

values in comparison with the unmodified and other NPG-modified microdisc 

electrodes (Fig. 3.51).  This is due to the protruding geometry of the formed NPG-

hemisphere that permits easier electron transfer at the surface and hence lower 

impedance.  
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The two other NPG-modified microdiscs on the other hand, exhibited steady-shaped 

voltammograms at 100 mV s
-1

. The high surface roughness factor and steady-shaped 

voltammograms indicate that the NPG-modified microdiscs possess high surface area 

while retaining the advantages of traditional microelectrodes. Supposedly the EIS of 

the NPG-modified microdisc with 795 nm recess depth exhibited higher impedance 

compared to the of 695 nm recess depth. According to Seker et al. (2010), the 

electrode impedance generally decreased with increased film thickness for electrodes 

with the same initial alloy composition [56].  

In this case, for the 665 nm recess depth, 225 nm of NPG was formed hence the film 

is thicker compared to the 122 nm of NPG formed that resulted in 795 nm recess 

depth. However no significant difference was observed between the two. This can be 

addressed to the SEM images as only one disc from the disc array of 314 electrodes 

was taken. The NPG thickness could be vary from one disc to another disc, and the 

EIS shows the impedance of total surface area instead of one disc alone. The striking 

importance however is that a 25-fold decrease in impedance of NPG-modified 

electrode was reported compared to unmodified gold electrode, as a result of the 

augmented total surface area [110]. 

 

 

Figure 3.51: EIS of the NPG-modified microdisc array of different thicknesses in 1 

mM FCA in PBS. Frequency applied was 0.01-1 MHz.   
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These interesting features of the NPG-modified microdisc in terms of 

electrochemistry and surface roughness provide a promising feature for its future 

application in biosensor area. The surface roughness indeed lends itself well and of 

important factor in immobilising biological elements. This is supported by the 

simplicity of the fabrication of the NPG-modified microelectrode.  

 

3.6 Conclusion 

The first part of this chapter has described the fabrication and characterisations of 

micro- and nanoelectrode arrays on two different substrates (silicon and glass) with 

different thickness of Si3N4 passivation layer (200, 300 and 500 nm). 

Microfabrication involving UV-photolithography technique was employed for the 

fabrication of microdisc and microband array with 10 μm critical dimension. The 

microelectrode with smaller dimensions (1 μm and 100 nm) was fabricated by 

electron beam lithography technique. Only one passivation layer thickness of               

200 nm was applied to the glass-based microelectrode array fabrication. 

Optical and SEM images have confirmed the dimension and geometry of the 

fabricated silicon-based microelectrode for all dimensions and recess depths. 

Accuracy of 10% was achieved for the larger dimensions (d1 and b1) regardless of 

the Si3N4 thickness. However for the smallest features (d2, b2 and b3), the 

dimensions achieved vary greatly with the thickness. The dimensions achieved for 

the 500 nm Si3N4 thickness wafers were closer to the expected dimensions compared 

to the wafers with thinner passivation layer suggesting better selectivity of the 

etching process for Si3N4 thickness over the e-beam resist.  

The fabricated microelectrode arrays were first characterised using CV technique. 

All of the silicon-based d1 and d2 for all the three recess depths, and glass-based 

design d1 of 200 nm recess exhibited steady-state shape peak at 100 mV s
-1 

in 1 mM 

ferrocenecarboxylic acid (FCA) in PBS pH 7.4. The experimental limiting current 

obtained for all these microdisc arrays were in the excellent agreement with the 

calculated theoretical currents, suggesting individual hemispherical diffusion profile 

for these cases. The CVs for the microband array (b1 and b2) were more inclined to 

peak/sigmoidal shape at scan rate of 100 mV s
-1

. In addition, their CVs were greatly 
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dependant on the scan rate. The suggested diffusion profile for both b1 and b2 was a 

mixed diffusion layer of individual and overlapping diffusion whilst a total heavily 

planar diffusion was suggested for b3 (100 nm nanoband). It was learnt that changes 

in scan rates were able to induce transitions of the CV shapes for the fixed microband 

array dimension from linear diffusion at slow scan rate to radial diffusion at higher 

scan rate. 

Only microelectrodes with 10 μm dimension were studied for the subsequent EIS 

characterisation. The performances of the microelectrodes with smaller dimensions 

were found to be sluggish after several usages, perhaps due to the aging factor and 

mechanical/electrochemical effect on the passivation layers. Despite having the same 

surface area, the effect of recess depth was prominent especially in microdisc arrays. 

The EIS curve for microdisc array appeared to be flattened semi-circles which are in 

accordance with simulation work reported before. In comparison with disc array, the 

recess depth on microband array did not significantly affect the EIS curves due to the 

small and negligible percentage of recess over the electrode’s aperture (band’s 

length) (0.04% to 0.1%).   

The second part of the chapter demonstrated the possibility of conducting chemical 

modification on the microelectrode array. This particular study served several 

purposes, first was to modify and provide the surfaces with immobilisation matrix for 

further application in biosensing. Secondly, the modification also allows us to 

increase the surface roughness that can improve the performance of biosensor. Two 

modification procedures based on electrochemical deposition approach were utilised 

in this part, namely the sol-gel silica film and nanoporous gold (NPG) 

electrodeposition.  

For the sol-gel silica film formation, both methods employing CTAB:TEOS 

precursors and with the MPTMS pre-treatment exhibited successful formation of the 

sol-gel on the gold electrode surface. Adding an MPTMS monolayer helped a better 

adhesion and better formation of the organosilica on the electrode surface. It also has 

proven that film deposition is possible on recessed microband array but the 

characteristics for film formation greatly dependent on the experimental conditions 

i.e. increasing the current density when moving from macro to micro dimension. 
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Ageing the microelectrode at high temperature and using a not fresh sol solution only 

leads to the poor formation of the silica gels.  

Apart from that, it also has been demonstrated that NPG-modified recessed 

microdisc can be conveniently prepared by electrodeposition of Au0.18Ag0.82 followed 

by dealloying steps. This direct and simple method provides a rougher surface with 

higher current density while maintaining the merit of microelectrode behaviour. The 

microdisc array still retains its microelectrode behaviour (in the case of presence 

recessed NPG layer). The integration of surface roughness increment and 

microelectrode properties may help in improving the biosensing application. The 

film thickness formed via EASA and NPG for modifying gold electrode surface 

could be tuned by controlling the electrodeposition parameters (time and ratio of 

mixtures) thus offering wide range of further biosensor applications.  

Overall, the 10 μm microdisc/microband were found to be the most stable and 

reproducible dimension when compared those with smaller dimension. Although the 

glass-based microelectrode array exhibited electrochemical performance than on a 

par with the silicon-based electrode, nevertheless the handling issues concerning the 

fragility and brittleness of the glass substrate is the major hindrance for its practical 

use. Chemical modifications conduction also had shown that surface modification is 

possible on these recessed microelectrodes. Therefore, silicon-based microfabricated 

electrode/arrays with 10 μm dimension (or greater) will be utilised for the further 

fabrication and in the following chapters in this thesis. 
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CHAPTER 4 

DEVELOPMENT OF AN ON-CHIP 

MICROELECTROCHEMICAL CELL 

__________________________________________ 

4.1  Introduction 

One of the ultimate objectives in biosensor development is its viability to carry out 

the analysis on field site i.e. outside the laboratory. This necessitates the 

miniaturization as well as the portability of the whole biosensor system. With regard 

to the biosensor measurement, electrochemical biosensors are still favoured over the 

other biosensor approaches (optical, mass etc.) owing to their stability and simple 

procedure (elimination of sample pre-treatment). In order to achieve the 

miniaturization concept and to complement the handhold-sized electrochemical 

analyser/potentiostats which are commercially ready in market, the fabrication of 

three-cell electrodes (RE, CE and microarray WE) integrated on a single chip is of 

paramount importance. Thus, one of the objectives of this thesis is to develop, 

fabricate and characterise the on-chip microelectrochemical cell with selected 

dimensions. Often referred as lab-on chip, on-chip devices or biochip, this device 

lends itself well in providing a portable sensor platform that allows miniaturization 

of biosensor for in-situ measurements [1, 2].  

As discussed before, microelectrode arrays offer a number of advantages which 

include: improved mass transport and increased sensitivity (due to hemispherical 

diffusion),  achieving steady state (or quasi-steady state) responses for Faradaic 

processes, reduced ohmic (iR) drop and most importantly when used in sensing, 

improved signal-to-noise ratios allowing low detection levels to be reached 

compared to macroscopic electrodes [3]. Thus, microfabricated electrochemical 

sensors with WE using microelectrode array can provide sufficient sensitivity and 



175 
 

achieve required limits of detection for practical applications due to improved mass 

transfer and signal to noise ratio [4].  

The successful fabrication and application of the integrated chips have been reported 

over the past few years. A lab-on-chip fabricated on silicon substrates, referred as 

silicon chips, has been demonstrated to be viable for the detection of pollutants in 

seawater for the development of robotic fish [4, 5]. Tan and co-workers also have 

fabricated an integrated microelectrode arrays via screen-printed technique and 

demonstrate proof-of-concept in detecting chromium (VI) in environmental (canal 

water) sample [6]. Needle-type electrochemical sensors that integrate all the RE, CE 

and a single microelectrode electrode also have been reported for the simultaneous 

detection of nitrite and dissolved oxygen [7]. Parker and co-workers also have 

utilised the microfabricated immunochip for aflatoxin M1 detection with adaptation 

of the competitive enzyme-linked immunosorbent assay (ELISA) format in their 

electrochemical biosensor study [8]. A wearable screen-printed electrode has also 

been developed in 2011 with three electrodes configuration based on the elastic 

neoprene substrate that can be attached directly on the diving suits. This wearable 

and portable sensor-potentiostat microsystem will allow the divers to have a visual 

indication on the water quality (environmental pollutants) and security threats in 

marine environments [9]. 

Following the successful fabrication and characterisation of the microelectrode array 

as described in previous chapter, a microelectrode array WE integrated with RE and 

CE was developed on a single chip. We refer this as the ‘on-chip 

microelectrochemical cell’ and this term will be used hereafter. This 

microelectrochemical cell consists of Ag/AgCl reference electrode (RE), Pt 

auxiliary/counter electrode (CE) and an array of microdisc or microband gold 

working electrode with chip dimension of 100 mm (width) x 380 mm (length) as 

shown in Fig. 4.1. The design also includes contact pads with associating lines that 

connect to the corresponding electrodes. The chip will be connected to the 

instrumentation by sliding the transducer pads into the appropriate connector. Thus, 

the following requirements on the minimum distance between connector and 

electrodes (5.00 mm), connector slot (10.50 mm) and pad width and length (2.00 x 

5.00 mm) were taken into account in this design. 
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Figure 4.1: Layout and picture of fabricated microelectrochemical cell in 

comparison with the first version of microelectrode array.  

 

The on-chip microelectrochemical cell was designed in such features considering 

several important aspects for further applications after the electrode fabrication. 

Firstly, unlike most of lab-on-chip/chip-on-board/biochips production which requires 

additional separate integration process [5, 10-15] to assemble the different parts of 

the electrodes, the developed microelectrochemical cell does not required packaging. 

This indirectly will reduce the production cost. This microelectrochemical cell can 

be used straight away in the next step of bio-functionalisation after the fabrication 

process with simple post production treatment (e.g. oxygen plasma) without the risk 

of epoxy contamination that derived from the packaging step. Secondly, the working 

electrode (WE) on the microelectrochemical cell is placed further down the end of 

the chip. The WE is designed in such way so that the modification of the working 

electrode surface that will be carried out for surface functionalisation purpose would 

not interfere and affect both RE and CE surface. Surface functionalisation has been 

proven to provide and enhance the selectivity and sensitivity of the recognition of 

target elements in sample analyte [16]. Nevertheless if all the fabricated electrodes 

are designed adjacently to each other, it is indeed a challenge to modify the WE 

surface without interfering both RE and CE surface particularly if it involves small 
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WE area. Modification of working electrode on a biochip for immobilising antibody 

has been described using aminosilane silanizaton protocol [8] and self-assembly 

monolayer of 11-mercaptoundecanoic acid [10]. However in these reports, it was not 

mentioned how both RE and CE on the biochip were ‘protected’ from the 

modification chemicals. A few drops of chemical solutions will surely disperse and 

smear on the whole surface area. Sealing the RE and CE with masking tape or the 

use of spin-coater is not feasible. Therefore, by having the working electrode of 

microelectrode array placed further down from the RE and CE, such modification 

will only affect the area of interest without passivating the other surfaces (Fig. 4.2). 

To sum up, the aim of the whole cell design is to facilitate the WE surface 

biomodification.  

 

 

Figure 4.2:  Illustration of the idea behind the on-chip microelectrochemical cell 

design, i.e, modification at the microelectrochemical cell’s WE surface without 

interfering/passivating the RE and CE (A), in comparison with several other 

biochips’/lab-on-chips’ designs (B). 

 

In this study, the fabricated on-chip microelectrochemical cells have two different 

geometries of WE, i.e. microdisc and microband array. Each geometry designs have 

a fixed dimension of 10 μm diameter (microdisc) or 10 μm width (microband) but  

different parameters were studied, i.e. different spacing centre-to-centre distance (d)   

(d=100 μm and 50 μm) and different number of electrodes in the array (N). All discs 

array designs were arranged in hexagonal arrays instead of cubic arrays as this 

(A) (B) 

On-chip electrochemical 

cell in solution 

containing chemicals 

(sol-gel, conducting 

electroactive polymer 

etc.) / biological buffers 

(with antibody, enzyme, 

DNA etc) for WE surface 

functionalisation 
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arrangement provides mode space-saving placement of the discs on the available WE 

area.   

 

Figure 4.3: (A) Arrangement of fabricated discs array in hexagonal array; and (B) 

description of centre-to-centre spacing (noted by d) in disc array. 

 

The density placement of the discs on the available WE area is characterised by the 

ratio d/r where d is the centre-to-centre distance between microdiscs and r the radius 

of the microdisc. According to Saito at al. (1968), the ratio of d/r can be used to 

delineate the defined regimes of individual and overlapping diffusion [17]. The 

independent behaviour of the microdisc electrode, i.e. individual diffusion profile 

could be achieved at d/r>12 [18], with other reported at d/r>20 [19]. However these 

values also greatly dependent on the timescale of the experiments (i.e. diffusion layer 

thickness) whereby at larger time scale (larger scan rate), all the individual diffusion 

layers may merge to form linear diffusion layer [18]. 

In this chapter, an experimental approach is used to study the effect of the d/r ratio, 

together with different numbers of electrodes in the array, towards electrochemical 

response. The first two wafers of both disc and band array (Wafer 1 and Wafer 2) 

have a fixed d/r=20 (d/r>12) while the following Wafer 3 (disc array) and Wafer 4 

(band array) have fixed d/r=10 (Table 4.1 and Table 4.2).  

 

 

d

d

A B

d

d
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Table 4.1 Geometrical parameters description for on-chip microelectrochemical cell 

consisting disc array (denote as D) 

 Design Geometry Diameter      

(μm) 

d, Spacing 

(centre-to-

centre) (μm) 

N, number 

of electrodes 

Surface 

area (cm
2
) 

 

Wafer 1 

D1  

 

 

Disc 

 

 

 

10 

 

100 

314 2.466 x 10
-4

 

D2 150 1.178 x 10
-4

 

D3 86 6.755 x 10
-5

 

 

Wafer 3 

D4  

50 

314 2.466 x 10
-4

 

D5 150 1.178 x 10
-4

 

D6 86 6.755 x 10
-5

 

 

Table 4.2 Geometrical parameters description for on-chip microelectrochemical cell 

consisting band array (denote as B) 

 Design Geometry Width 

(μm) x  

length 

(μm) 

d, Spacing 

(centre-to-

centre) 

(μm) 

N, number 

of 

electrodes 

Surface 

area (cm
2
) 

 

Wafer 2 

B1  

 

 

Band 

 

 

 

10x500 

 

100 

18 9.0  x 10
-4

 

B2 9 4.5  x 10
-4

 

B3 5 2.5  x 10
-4

 

 

Wafer 4 

B4  

50 

18 9.0  x 10
-4

 

B5 9 4.5  x 10
-4

 

B6 5 2.5  x 10
-4

 

 

The objectives of this study were to study the viability of the fabricated on-chip 

microelectrochemical cell; and to find the optimal design that can retain the 

microelectrodes properties (non-overlapping diffusion profile providing sigmoidal 

voltammogram and galvanogram with steady-state current). 
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4.2  On-Chip Microelectrochemical Cell Fabrication 

The electrodes on the on-chip microelectrochemical cell were pre-patterned on a Si 

substrate and fabricated by standard photolithography and lift-off techniques. For 

WE fabrication, the process described earlier in Chapter 3 was applied. Additional 

fabrication process entailing the CE and RE are described here. They included Pt e-

beam evaporation for the CE construction. Titanium was used in the proportion of 

20:100 Ti:Pt to ensure appropriate adhesion of the Pt layer on the silicon. After metal 

evaporation, the excess metal and photoresist were lifted off in R1165 resist stripper. 

The Ti:Ni:Ag layer (20:50:250) was only evaporated after the passivation etch as 

etch chemistry would damage the Ag layer. The Ag electrodes were then treated with 

FeCl3 [20] followed by the lift-off technique. Following fabrication, the on-chip 

electrochemical cells wafers were diced and no further electrodes packaging were 

required. All microfabrication processing was carried out at the Central Fabrication 

Facility at Tyndall National Institute

. 

 

 

Figure 4.4: Silicon wafer containing fabricated on-chip microelectrochemical cell. 

Each wafer could produce up to 12 chips. 

 

The following schematic diagrams depict the fabrication for each part of the 

microelectrochemical cell (Fig. 4.5).  

 

                                                           
 Fabrication by Mr. Dan O’Connell from Central Fabrication, Tyndall National Institute 
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Figure 4.5: Simple schematic diagram showing the fabrication of the different parts 

(WE, CE and RE) on the on-chip microelectrochemical cell (not to scale). 

 

4.3  Optical Study for Visual Characterisation 

The fabricated on-chip microelectrochemical cells were inspected using scanning 

electron microscopy (SEM) to verify the dimensions of the array geometries, 

including the recess depth. The energy-dispersive X-ray spectroscopy (EDX) 

analysis was utilised to analyse the presence of gold, silver and platinum layers on 

the working, reference and counter electrodes respectively.  
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From the SEM images

, microdisc arrays were confirmed to have diameter of 10 μm. 

There is a slight difference in the diameter measurements of the disc when taken 

during the tilted position and in flat surface position. The tilted position is meant to 

measure the recess depth, however the reading on the tilted measurements have some 

corrected cross section measurements hence the differences. The recess depth was 

found to be an approximate of between 400-720 nm, deviation of 20-44% from the 

expected 500 nm recess depth.  The distance between two discs were found to be in 

the vicinity of 86 μm and 37 μm which will made up the disc’s centre-to-centre 

spacing approximated to 96 µm for the 100 μm spacing and 47 µm for the 50 μm 

spacing respectively (Fig. 4.6).  

   

  

Figure 4.6: SEM images for on-chip microelectrochemical cell with disc arrays. 

Disc’s diameter and recess measurements (a,b); and centre-to-centre distance 

expected for 100 μm spacing (c) and 50 μm spacing (d). 

                                                           
 SEM images and measurements by Mr. Vince Lodge from Central Fabrication Lab, Tyndall National 
Institute 

(a) (b) 

(c) (d) 
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For the microband array on the other hand, the achieved dimensions for the 

fabricated electrodes were in good agreement with the dimensions expected. The 

band lengths were confirmed to have 493.5 nm which is close to 500 nm as 

expected. The width of the band was found to be 11.51 μm on tilted position with the 

range of 600 nm recess depth (Fig. 4.7).  

 

  

Figure 4.7: SEM images for on-chip microelectrochemical cell with band arrays. 

 

The EDX analysis

 confirmed the presence of gold for the WE surface, silver for RE 

surface and platinum for CE surface (Fig. 4.8). However there was no chloride 

detected in the RE component, suggesting the instability of the Cl layer formed on 

the electrode from the Cl treatment. The Cl counterpart might have been peeled off 

during the lift-off process in fabrication or after several electrochemical 

measurements. Ti element was present in all the spectra as Ti was used to adhere the 

electrode metals on the silicon substrate. The presence of Ni on the RE surface may 

also suggest that some amount of Ni was used as well to adhere the Ag metal on the 

silicon besides Ti as used in the pyrex/silicon substrate [21]. Some traces of Fe, C, N 

and K were also found in the RE EDX spectra, which could be derived from the 

potassium hexaferricyanide solution in sodium chloride used to do some 

electrochemical measurements of the on-chip microelectrochemical cell prior the 

SEM/EDX analysis.  

                                                           
 EDX analysis also by Mr. Vince Lodge, Central Fabrication Lab, Tyndall National Institute 
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Figure 4.8: EDX spectrum of the Au microelectrode array (a); Ag reference 

electrode (b); and Pt counter electrode (c). 

 

(b) 

(c) 

(a) 
WE 

RE 

CE 
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4.4  Electrochemical Characterisation 

All electrochemical characterisations were carried out in 0.1 M ferrocenecarboxylic 

acid in PBS (pH 7.4). A customised connector (Uniscan Limited, Buxton, UK) was 

used to hold the on-chip microelectrochemical cell. The on-chip 

microelectrochemical cell was plasma cleaned for 10 minutes first prior 

electrochemical measurements. It was found that by prolonging plasma cleaning 

time, though clean the microelectrode array better; would damage the silver layer on 

the reference electrode surface. This correlates to the fact that ion etching destroying 

the Ag layer as discussed in the fabrication part. The suggested 10 min is the optimal 

time providing trade-off between electrodes clearing and on-chip 

microelectrochemical cell reliability 

 

   

Figure 4.9: Experimental set-up of the on-chip microelectrochemical cell with 

customised connector for electrochemical measurements. 

 

Although EDX analysis has confirmed the successful deposition of Ag and Pt on RE 

and CE respectively, electrochemical measurements using commercial Ag/AgCl 

reference electrode and Pt wire were also taken (hereafter referred as off-chip 

measurements/reading) and compared with the measurements using on-chip’s RE 

and CE (hereafter referred as on-chip measurement/reading). This aspect is vital in 

order to study the electrochemical viability of the fabricated electrodes.  

RE

WE

CE
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4.4.1 Cyclic Voltammetry Studies 

Characterisation of On-chip Electrodes and Commercial Electrodes 

The electrochemical performance of the fabricated on-chip Ag reference electrode 

and Pt counter electrode were first evaluated by comparing the CVs taken from the 

on-chip cell as a one-piece device and WE from the chip with the external 

commercial Ag/AgCl and Pt wire electrodes. Four modes of measurements were 

performed: (i) all-on-chip reading (using both RE and CE on the on-chip 

microelectrochemical cell); (ii) CE commercial (RE on-chip); (iii) RE commercial 

(CE on-chip); and (iv) both RE and CE commercial. The voltammograms were 

obtained in 3 repetitions at a scan rate of 100 mV s
-1

. As shown in Fig. 4.10, the 

voltammograms displayed identical peak shapes and currents, but different peak 

potentials, which can be attributed to the properties of the reference electrodes [5]. 

Moreover, all voltammograms were obtained with good reproducibility, stability, 

and reversibility, indicating the successful operability of the fabricated Ag/AgCl 

reference electrode and platinum counter electrode.   

 

Figure 4.10: On-chip measurements for fabricated microelectrochemical cells (one 

design from each wafer) compared with readings from commercial RE and CE in     

1 mM FCA in PBS, scan rate of 100 mV s
-1

. 

 
D3 (10 μm disc array 
with d=100 μm, 
N=86) (Wafer 1) 

 B1 (10 μm band array 
with d=100 μm,                       
N=18) (Wafer 2) 

 
D4 (10 μm disc array 
with d=50 μm, 
N=314) (Wafer 3) 

 
B4 (10 μm band array 
with d=50 μm,                       
N=18) (Wafer 4) 
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Similar results for the peak shift using commercial Ag/AgCl reference electrode in 

comparison with on-chip RE were also reported before by Moujahid et al. (2011) [5] 

and Chen et al. (2000) [15].  In both cases, the RE layer on-chip was retreated with 

silver and chloride ion was oxidised in either HCl or KCl to form AgCl. In our study, 

the formation of AgCl was carried out after the deposition of Ti:Ni:Ag layer by 

submerging the wafers in the FeCl3 solution for 50 seconds as described by Polk et 

al. (2006) [20].  

The shift of the potential separation was due to the commercial RE inner solution 

(1M KCl) and the concentration of the chloride in the PBS solution (0.05 M). The 

potential difference between the on-chip and commercial RE can be determined 

according to the Nernst equation: 

                  
   

  

  
                       

where          is the standard potential for the Ag/AgCl electrode (         is 

0.2223) and      is the chloride activity which can be approximated to the chloride 

concentration in the solution. The results obtained for the expected potential 

according to the equation were 0.1467 V for the chloride in 1 mM FCA in PBS and 

0.2223 V for the chloride in 1M potassium chloride. The potential on the on-chip RE 

measurements were found 0.1531 ± 0.014 V, which were close with the calculated 

ones.  

The experimental limiting current, ilim, for the different microelectrochemical cell 

designs were obtained by averaging three readings or more from one or more 

measurements (Table 4.3). The values were then compared with theoretical current 

calculated with previous equations as presented previously in Chapter 3 (Eq. 3.4 for 

microdisc array and Eq. 3.6 for microband array).  All measurements were taken 

using all-on-chip electrochemical reading. 
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Table 4.3 Comparison between the theoretical current and experimental current for 

microelectrode array working electrode for on-chip electrochemical cell 

Design Recess depth 

(nm)

 

Theoretical current, 

nA 

Experimental current, nA 

D1 

D2 

D3 

D4 

D5 

D6 

715 

748 

660 

778 

479 

612 

292 

139 

81 

288 

147 

79.9 

301.8 ± 26.01 

160.3 ± 3.42 

80.7 ± 6.42 

268. 6 ± 7.28 

156.1 ± 2.73 

119.4 ± 2.56 

B1 

B2 

B3
**

 

B4 

B5 

B6 

765 

675 

n/a 

681 

667 

656 

622 

314 

173 

628 

315 

175 

550 ± 9.75 

223.3 ± 17.75 

151.3 ± 0.64 

500.9 ± 28.3 

218.7 ± 9.15 

142.5 ± 28.88 

 

In the first three disc designs (D1-D3) with interspacing distance of 100 μm, 

sigmoidal shape CV was observed indicating the occurence of hemispherical 

diffusion of the ferrocenecarboxylic acid towards the microdiscs with non-

overlapping diffusion zones between the neighboring microdiscs. This is validated 

by the experimental limiting currents achieved for those designs are relatively close 

with the theoretical current. Such results were similar as obtained for the single WE 

microelectrode array of 10 μm microdisc array as reported in previous Chapter 3. 

The excessive current could be due to ‘edge effect’ of convergent diffusion at disc 

microelectrodes. Convergent diffusion is particularly dominant in microelectrodes in 

comparison with macroelectrodes, as more than 95% of the current collected arises 

from convergent diffusion to the edges of the microelectrode rather than across the 

entire electrode surface [22]. In some cases, organic residues on the substrate surface 

                                                           
 Recess depth measurements were determined from SEM images on respective chips. This was 
done by Mr. Vince Lodge 
A substitute chip with same parameters (spacing and number of array) was used 
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also could contribute to a faradaic current as reported by Franks et al (2005) on their 

microfabricated silicon-based Pt macro- and microelectrode [23]. In order to 

overcome this, their macro- and microelectrodes were further treated by six cycles of 

cyclic voltammetry from to -1.0 V to +1.0 V after plasma cleaning step. In our 

studies where the cyclic voltammetry cleaning was not applied, current depletion 

was observed on subsequent characterisation measurements using the same 

electrodes on different days; suggesting the excessive current could be derived from 

the organic traces left on the chips. This however did not greatly affect the first 

version of microelectrode array single chip, presumably due to its small size in 

comparison with the on-cell electrochemical chip size. Despite the current depletion 

and large standard deviation for D1 particularly, the experimental limiting current in 

comparison with their theoretical value is still acceptable.  

For the following disc designs with centre-to-centre interspacing distance of 50 μm 

(D4-D6), experimental limiting currents for D4 and D5 show good agreement with 

the theoretical values. The experimental current for D4 was 7% less in comparison 

with the theoretical current which may suggest that the overlapping diffusion current 

has taken place once the disc spacing was reduced. In D6 however, the current 

obtained was 49% higher compared to the theoretical one. With decreasing number 

of disc array (N=86) and insufficient interspacing distance between the discs to 

allow individual diffusion profile, this pattern could be attributed to the planar or 

mixed diffusion which has taken over the hemispherical diffusion. The effect of 

having 50 μm interspacing distance instead of 100 μm for microdisc array is so 

apparent in a way that the sigmoidal current has diminished and shifted to a peak-

shaped CV (Fig. 4.11) [24].  
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 Figure 4.11: The diminishing sigmoidal signal as the distance between the disc’s 

interspacing was reduced from d=100 μm (blue line) to d=50 μm (red dotted line). 

Scan rate 100 mV s
-1 

in 1mM FCA in PBS.  

  

The experimental limiting currents increased linearly with the number of microdiscs 

in array with a determination coefficient r
2
=0.9923 for disc centre-to-centre 

separation 100 μm (inset Fig. 4.12A) and r
2
=0.9986 (inset Fig. 4.12B). The CV 

signal also decreased accordingly, except for D6 which has clearly did not behave as 

an ideal microelectrode.  

 

Figure 4.12: Cyclic voltammetry of disc microelectrode array fabricated on 

microelectrochemical cell for (A) D1-D3 (Wafer 1); and (B) D3-D6 (Wafer 3). 

Measurements  were carried out using on-chip electrochemical cell with scan rate of 

100 mV s
-1 

in 1mM FCA in PBS. Insets: ilim as a function of N for both experimental 

(blue marker) and theoretical currents (red marker).  

D1 (N=314) 

D2 (N=150) 

D3 (N=86) 

D4 (N=314) 

D5 (N=150) 

D6 (N=86) 

   N=314 N=150 N=86 
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For a microelectrochemical cell with the microband array, the theoretical limiting 

current exceeded the experimental values with discrepancy between current values in 

the range of 11-31%. As discussed in the previous chapter, the diffusion profile 

suggested for the fabricated band array was a mixed diffusion profile (individual 

with overlapping diffusion profile); hence this can be accounted for the large 

difference between the current values. Probable occurance of planar diffusion also 

could contribute to the difference.  

The voltammogram shapes obtained for the band interspacing centre at 100 μm (B1-

B3) showed typical quasi-steady state voltammograms as reported for microband 

array [25]. This voltammogram however has shifted to a more pronounced peak-

shaped CV when the interspacing was reduced by half to 50 μm  (Fig. 4.13) for B3-

B6. This effect was clearly obvious when the number of array has greatly decreased 

(N=5). The diffusion profile that would be suggested for the B6 is a planar diffusion, 

which happens when insufficient spacing is designed on an electrode [26].  

 

 

 Figure 4.13: The voltammogram has shifted to a peak-shaped CV when band 

spacing distance was reduced from 100 μm (blue line) to 50 μm (red dotted line). 

Scan rate100 mV s
-1 

in 1 mM FCA in PBS.  

 

To compare the effect of having a fixed electrode area with reduced interband 

spacing, a current density study was plotted (Fig. 4.14). It was found that reducing 

the interband spacing also has resulted in decrease of current density although having 

N=18 N=9 N=5 
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the same area. Overlapping current or planar diffusion is hence suggested for B4-B6 

which takes place once the spacing is reduced. This is in agreement with Compton 

and co-workers who reported that current density at individual electrodes is much 

greater than a macroelectrode under planar diffuson [22]. Thus B4-B6 had lost their 

ideal microelectrode properties and no longer behaves as two microelectrode arrays.  

 

 

Figure 4.14: Current density of the different interband spacing with the same 

electrode area (cm
2
). 

 

The linearity of the experimental current for the microband electrode for the on-chip 

microelectrochemical cell were excellent with r
2
=0.989 and r

2
=0.9948 respectively 

for interband distance of 100 μm and 50 μm respectively (inset Fig. 4.15 A and B). 

The r
2
 value for theoretical limiting current for B1-B3 however was 0.9987 and not 1 

as expected due to the fact that a substitute chip was used to replace the B3 and the 

recess depth was not checked through SEM, instead it was estimated to be 700 nm. 

Comparing the CV for B4-B6, the B6 design has similarity with previous reported 

D6 where their experimental currents deviate significantly from the theoretical 

current indicating overlapping/planar diffusion that has taken place in the system.  

   

 

N=18 N=9 N=5 
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Figure 4.15: Cyclic voltammetry of microelectrochemical cell with band 

microelectrode array for (A) B1-B3 (Wafer 2); and (B) B3-B6 (Wafer 4). 

Measurements  were carried out in 1 mM FCA in PBS with scan rate of 100 mV s
-1

. 

Insets: ilim as a function of N for both experimental (blue marker) and theoretical 

currents (red marker).  

 

To conclude all the fabricated on-chip microelectrochemical cells for the limiting 

current study, the correlation between theoretical and experimental current for all 

designs were presented in Fig. 4.16 The correlation gave a good r
2
 value of 0.9508 

considering the fact that irregularity in the recess depth fabricated was noted.  

 

 

 

 

 

N=18 

N=9 

N=5 

N=18 

N=9 

N=5 



194 
 

 

Figure 4.16: Correlation between experimental and theoretical current for all 

fabricated on-chip microelectrochemical cell. 

 

The effect of reducing the interspacing disc/band array on microelectrodes scan rates 

were next reported.  

 

Scan Rate Effect on Voltammogram for Different Centre-to-Centre Spacing  

For the scan rate study on voltammogram for different centre-to-centre spacing (d),  

only 9 on-chip microelectrochemical cells that were available for further testing. The 

other three on-chip microelectrode cells namely D2, D6 and B3 were found no 

longer active due to the presence of dead electrodes and delamination of the band 

electrodes. The constrain of having subsequent studies for the failed electrodes also 

are due of limited number of those on-chip microelectrochemical cells fabricated on 

the wafer, and worse in some cases, both/all electrodes of similar design fail to work.  

Lithographic fabrication procedures used are known to be associated with the 

presence of dead or inactive electrodes which eventually lead to a lower limiting 

current [4, 27, 28]. Although it was reported that copper electroplating technique was 

employed to identify the presence of dead electrodes visually [27, 28], the presence 

of active/inactive electrodes also could be simply investigated by fluorescent 
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microscope or SEM. The latter technique with EDX analysis is more precise as it is 

able to inspect the presence/absence of gold layer. 

Fig. 4.17 compares two microdisc designs (D2 and D3). As one can see D2 consisted 

of dead electrodes whilst all the electrodes in D3 were active. The presence of active 

electrodes could be indicated by the gold layer which seen underneath the 

microdiscs. On the other hand, if the electrodes are dead, black dots were observed 

representing the absence of gold. The inset figure in Fig. 4.17(A) shows the massive 

depletion of current that indicates the electrode has deteriorated hence leaving ca. 

less 50% of active sites.  

 

  

Figure 4.17: Fluorescent microscope image of (A) dead discs on design D2 (N=150, 

d=100 μm), represented by black dots (inset: current depletion voltammogram in                            

1 mM FCA in PBS of 100 mv s
-1 

scan rate, before (blue line) and after (red line) 

dead electrode occurance); and (B) image of active disc electrodes on D3 (N=86, 

d=100 μm) with gold layer underneath the discs. Magnification 20x.  

 

For the microband electrode of B3, it also observed that no gold layer left within the 

recess surface. In comparison, an active microband would have a layer of gold 

presence as in Fig. 4.18B. We could attribute this to the lamination of the band 

electrode. Lamination is one of the defect or failure mode that normally occurs in 

silicon based microsensors [29, 30]. Interestingly, non-uniform current densities on 
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the electrode surface also have been reported to contribute on electrodes damage [31, 

32]. 

  

 

Figure 4.18: Fluorescent microscope image of (A) lamination of gold microband 

array as observed in B3 (N=5, d=100 μm) design,  in comparison with (B) active 

microband with gold layer as for design B1 (N=18, d=100 μm). Magnification 10x.   

 

The scan rate impacts on voltammogram for the remaining nine on-cell 

electrochemical chips are now discussed. Microdisc array with interspacing of 100 

μm was able to retain its sigmoidal shape if scan rate was increased (Fig. 4.19-top 

row). When the interspace distance was reduced, the exclusivity of having 

microelectrode properties has diasppared as indicated by the arisen of peak-shaped 

voltammogram that changed accordingly with the scan rate increment (Fig. 4.19- 

bottom row). This implies a diffusion domain has overlapped at the measured scan 

rate. The reduction peak current (Ipc) of FcCOOH,  becomes less pronounced for D4 

and D5 at higher scan rates where overlapping occurred due to the dominating 

approach of semi-infinite linear diffusiont [24].  
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Figure 4.19: (A) Scan rate study for on-chip electrochemical cell with microdisc 

array working electrode with d=100 μm (top row) and d= 50 μm (bottom row). 

Measurements were carried out using all-on-chip reading in 1 mM FCA in PBS with 

various scan rates. (B) Schematic diagram showing the relationship beween the size 

of electrode (with respect to the diffusion layer thickness) and the contribution of 

convergent diffusion to the observed voltammetry (Taken from Ref. [33]). 

 

The cyclic voltammetry peak-shaped response as obtained for the reduced disc 

interspacing (d=50 μm) is a feature of linear diffusion. When it occurs, the diffusion 

layer is almost flat in shape. On the other hand, the steady-state limit is a 

characteristic of convergent diffusion and an approximately hemispherical shaped 

diffusion layer for the diffusion layers associated with different types of 

voltammogram [34]. The following Fig. 4.20 show that for both D1 and D3 where 

the disc interspacing is sufficient to allow indivisual hemispherical diffusion (d=100 

μm), the sigmoidal current  stays within the same range although scan rate was 

increased. However for D4 and D5, the current increased gradually accordingly with 

the increased scan rate indicating the diminishing of the individual diffusion layer 

and that dominating overlapping diffusion is occuring. 

(N=314) (N=86) 

(N=314) (N=150) 
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Figure 4.20: Sigmoidal current change as a function of square root of scan rate for 

microdisc array on-cell electrochemical chip with different disc interspacing, d=100 

μm (blue marker) and d=50 μm (red marker). Red dotted line represents current 

increment with increasing scan rate for design D4 and D5. For both D1 and D3 with 

disc interspacing 100 μm (blue marker), there is no current increment observed. 

 

Although microband electrodes were reported to exhibit sigmoidal-shaped CV at 

slow scan rates (<1 V s
-1

) [35, 36], nevertheless in our study, the CV shape obtained 

at scan rate of 10 mV s
-1

 was more of quasi-sigmoidal voltammogram and it was  

more inclined to peak-shaped CV at 100 mV s
-1

.  These discrepancies could be due 

to the size of microband employed in the microcell. In Nagale & Fritsch’s study 

(1998), the microbands have width of 25.3-143.5 nm whilst in our study the width is 

ten times larger i.e. 10 μm. Furthermore in their investigation, the microbands were 

not recessed but were of protruding bands fabricated on multilayer materials [36]. At 

higher scan rate, it was observed that CV has more pronounce peak-shape CV, 

presumable due to an increasing contribution from linear diffusion [34, 36]. The CV 

shape for B6 at 500 mV s
-1

 showed a ‘distorted’ CV due to the leaky/crack band 

electrodes related to delamination that takes place during the CV experiment [30]. 
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 Figure 4.21:  Scan rate study on on-chip electrochemical cell with microband array 

working electrode with d=100 μm (B1-B2) (top row) and d= 50 μm (B4-B5) (bottom 

row).  

 

All the band electrodes had scan-rate dependant CVs regardless of the band 

interspacing distance (Fig. 4.22).  It is deduced from the diffusion classification 

introduced by Compton’s group [19, 34] (Fig. 4.22) and as reported previously in 

Chapter 3, that B1-B3 designs (band interspacing of 100 μm) has mixed diffusion 

layer (Category 3); and B4-B6 designs  (reduced band interspacing of 50 μm)  have 

planar diffusion layer (Category 4) hence act like a macroelectrode.  

 

Figure 4.22: Schematic diagram of Category 3 and 4 diffusion profile of 

microelectrode array suggested for B1-B3 and B4-B6 design respectively. Taken 

from Ref. [19]. 

(N=18) (N=9) 

(N=18) (N=9) (N=5) 
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The  Category 4 case is decribed when strong overlap of the diffusional fields 

leading to the entire array behaved as single microelectrodes of the same total area as 

the microdisc plus insulator area. As seen from the previous Fig. 4.21, the peak 

currents increased accordingly with the scan rate as expected for a single 

macroelectrode (Fig. 4.23).  Although there is the same trend observed for B1 and 

B2 CVs, we shall stick these results to the Category 3 which is intermediate between 

Category 2 (individual diffusion) and Category 4. 

 

 

Figure 4.23: Square root of scan rate as a function of the peak current change for 

microband array on-cell electrochemical chip with different band interspacing, 

d=100 μm (blue marker) and d=50 μm (red marker). 

 

4.4.2 On-chip RE Stability Study  

A stability study on the fabricated Ag RE surface with FeCl3 treatment was studied 

using open-circuit potential in 1M KCl against commercial Ag/AgCl electrode (3M 

KCl filling). Readings for the first two electrodes were taken on a replicate of three 

days experiments for over 6 hours.  

As can be seen from Fig. 4.24, both commercial and on-chip RE electrodes reached 

the steady-state potential within an hour. However, the on-chip Ag/AgCl required 

more time to achieve steady state potential and the difference between starting and 
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steady-state potential is larger in comparison with commercial Ag/AgCl RE (167 

mV against  218 mV). In a longer time scale (Fig. 4.24b) the advantage of 

commercial RE over on-chip RE  became more obviously as the potential of on-chip 

RE increased gradually with a slope of R
2
=0.7487. The potential of the 

microfabricated “quasi-reference” electrode (without KCl-containing membrane) 

was reported to be stable up to 10 hours [37]. The commercial RE however was able 

to retain the constant potential within 4 hours before the potential drop of 27 mV was 

observed.  

 

 

Figure 4.24: Open circuit potentials of on-chip Ag/AgCl on-chip (blue line) and 

commercial Ag/AgCl (red line) on (a) shorter time scale of 1 hour; and (b) over  6 

hours. 

 

It is hence advisable to re-treat the on-chip RE layer with chloride treatment to form 

the a more robust and reliable chloride counterpart  [20] if the on-chip 

electrochemical study were to be used at longer timescale. Among the treatment of 

Cl
-
 on the RE surface post-fabrication that can be suggested is the coating of the 

surface with silver paint  followed by curing at 120°C for 60 minutes. The silver 

layer then was oxidised to form Ag/AgCl by voltammetric cycling in 1 M KCl [4]. 

Deposition of additional KCl-containing agar on the silicon-chip electrodes with 

different coatings (i.e. Nafion and poly-(2-hydroxyethyl (pHEMA)) also has been 

described to retain the Cl
-
 leaching properties and to prevent the AgCl layer 

becoming worn over time [37]. 
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4.4.3 Electrochemical Impedance Spectroscopy Study 

As a beginning, a comparative study between EIS using all-on-chip electrodes with 

off-chip (commercial) RE and CE was carried out. This is to ensure that all on-chip 

EIS measurements are reliable as with the commercial electrodes. All EIS 

measurements were taken with minimum of two readings and the average was taken 

to plot the respective Nyquist plot.  

Both EIS curves using on-chip RE and CE were comparable with commercial 

electrodes measurements (Fig. 4.25) with overlapping of diffusion zones seemed to 

occur at frequency below of 0.119 Hz. For the on-chip electrochemicall cell, it is 

noted that the CE surface is larger than the WE of microelectrode array. When the 

impedance between a small electrode and a large counter electrode is measured, the 

measured impedance will be dominated by the small electrode impedance [38]. The 

similarity exhibited between these two modes of measurement hence proved the 

realiability of the microfabricated RE and CE and thus allowed us to characterise the 

remaining microelectrochemical cells using all-on-chip measurements.  

Another objective by undertaking this experiment is to study the adequacy of the on-

chip microelectrochemical cell design with the significant space separation between 

CE, RE and WE. This separation relates to the specificity of transducer application 

to biosensing where the WE after the transducer fabrication is subjected to surface 

biomodification as was discussed in the beginning of the chapter.  The long distance 

between RE and WE leads to an increase of the liquid that can affect the impedance 

spectrum. As one can see there is no significant difference between spectra at the 

high frequency range that proves the adequacy of the microchemical cell design. An 

absence of the difference in the spectra also confirms that the obtained stability of 

the RE is sufficient for applying EIS - which will be the base for biosensor 

implemention.  
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Figure 4.25:  Nyquist plot of EIS for D1 microdisc array (N=314, d=100 μm) design 

using all-on-chip measurement (blue marker) and off-chip RE and CE (red marker) 

in 1 mM FCA in PBS. E1/2 at 0.29 V,  frequency 0.01-1MHz (Inset: EIS at higher 

frequency of 11,200 Hz-1MHz). 

 

Typical Nyquist plot for recessed microdisc array was observed for the microdiscs 

design of D1 and D3 with disc interspacing 100 μm. For the disc interspacing of 50 

μm on the other hand, a straight line is observed in the middle of the real imaginary 

axis indicating that the presence of linear diffusion on the electrode surface resulted 

from the overlapping diffusion as suggested (Fig. 4.26B).  

For both D1 and D3, linear diffusions at lower frequencies were observed to take 

place starting from 0.119 Hz (t=410 secs) onwards in both cases. When the 

interspacing was decreased and the electrodes became more closely packed, the 

frequencies were observed to increase to 0.189 Hz (t=375 secs) and 0.352 Hz (t=339 

secs) respectively for D4 and D5. These values are in agreement with the scan rate 

studies where at the more packed array, the linear diffusion takes place faster (339 

secs) compared to those of largely spaced ones (410 secs). 
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Figure 4.26: EIS spectrum in 1 mM FCA in PBS (frequency 0.01-1MHz, E1/2 at    

0.29 V) for (A) D1 and D3 (d=100 μm); and (B) D4and D5 (d= 50 μm). 

 

For the microband array, a semi-circle region followed by a straight line at low 

frequency was observed. The linear part observed at the low frequency range implies 

a mass-transfer limited process and diffusion that still prevail in the within the 

recessed band. There was a difference in the semi-circle form and frequency at linear 

diffusion occurs albeit at the same band array/surface area (Fig. 4.27) hence 

suggesting different diffusion profile to the electrode surface as suggested earlier. 

For the band array of 18 electrodes, it can be seen that by reducing the band spacing 

to half, the linear diffusion took place faster (0.653 Hz, t=316 secs) compared to the 

100 µm spacing (0.189 Hz, t=376 secs). The same frequences and times was 

observed at 9 band electrode array.   

 

Figure 4.27:  EIS spectrum in 1 mM FCA in PBS (frequency 0.01-1MHz,  E1/2 at 

0.29 V) for the band arrays of same surface area (A) A=9x10
-4

 cm
2 

(N=18); and       

(B) A=4.5x10
-4

 cm
2
 (N=9). Filled marker indicate d=100 µm while non-filled marker 

indicate d=50 µm. 
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For the B6 however, the impedance is similar to a macroelectrode response where a 

very small semi-cirle at very high frequencies followed by a straight diffusion line 

(Fig. 4.28). This behaviour impedance as in accordance as reported for the suggested 

diffusion layer (planar diffusion profile). 

 

Figure 4.28:  Nyquist plot of EIS for B6 microband array (N=5, d=50 μm) in 1 mM 

FCA in PBS. E1/2 at 0.29 V, frequency 0.01-1MHz (Inset: EIS at higher frequency of 

28,400 Hz -1MHz). 

 

As discussed earlier in Chapter 3, due to mixed diffusion layer of non-linear and 

linear diffusion profiles observed on the studied recessed microelectrode array 

surface, the usual parameters associated to EIS such as Rs, Rct and Cdl hence could 

not be calculated using the angular frequency (ω) function. The suggested an 

equivalent circuit for all disc designs (D1-D6) and B1-B3 are as given by Gabrielle 

et al. [39] which incorporate both spherical impedance (ZM) and diffusion/Warburg 

impedance (Zw): 

 

Figure 4.29: Equivalent circuit suggested for microelectrode.  
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In the case of B4-B6 that was postulated of having macroelectrode behaviour and 

linear diffusion profile, the Randles circuit was proposed (Fig. 4.30) to model the 

diffusion: 

 

Figure 1.14: Randles circuit model suggested for B6 that behaved like a 

macroelectrode. 

 

4.5 Conclusion 

Overall we can conclude that the design and fabrication of the on-cell 

microelectrochemical chip were successful. The electrochemical performance (CVs 

and impedance spectra) of the on-chip electrochemical cell was the same as for gold 

on silicon WE with external commercial CE and RE electrodes which confirmed the 

adequacy of the design and fabrication process to the application requirements. 

Through the whole 12 designs fabricated, which were investigated in this study, 9 

electrodes show good response in terms of small number of dead electrodes, 

indicating 75% success of the fabrication batch. The occurrence and reoccurrence of 

dead electrodes were observed at several designs after their use in the saline 

solutions for electrochemical characterisations, presumably also due to the non-

uniform densities of the current on the electrode areas. 

We have also proved that interspacing between discs in an array (d), apart from the 

radius of the microdiscs (r) are important parameters that influence the type of 

diffusion (hemispherical, linear or mixed diffusion profile). The impedance study 

performed correlates well with the limiting current and cyclic voltammetry study, 

thus supporting the diffusion behaviour proposed for the different geometries and 

interspacing distance.  
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The treatment of Cl
-
 counterpart was carried out with FeCl3 on the wafer prior the 

lift-off technique for the Ti:Ni:Ag layer. However several post-fabrication steps 

treatment can be carried out as well in order to ensure the stability of the Ag/AgCl 

layer over time in future.  
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CHAPTER 5 

SURFACE BIO-

FUNCTIONALISATION FOR 

BIOMOLECULE IMMOBILISATION  

 

 

5.1 Introduction 

The properties of an electrode surface can be manipulated by chemical, biochemical 

or molecular reagents for biomolecule immobilisation. Surface biofunctionalisation 

has contributed to a revival of interest in basic and applied research in 

electrochemistry and electrochemical devices [1]. For biosensors, electrode 

biofunctionalisation provides selectivity for the recognition of the specific biotargets 

[2] generating a measurable signal. As far as the surface functionalisation is 

concerned, it is also a challenge to immobilise the biomolecules without impairing 

their stability and specificity [3, 4].  

In this chapter, two types of protein, namely histidine-tagged protein and antibody 

will be immobilised on gold macroelectrode surface. The choice of these two types 

of proteins is of interest because their immobilisation strategies on solid support are 

gaining attention in the development of protein microarray [5-9]. The surface 

modification on solid support at macro-size and flat (planar) electrode would provide 

us initial insights on modification in terms of its electrochemical and optical 

properties before embarking on surface modification at recessed microelectrode 

array. Both histidine-tagged protein and anti-T-2 toxin monoclonal antibody were 

produced in-house by Microbiology Department, UCC and Queen’s University 

Belfast respectively. 
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5.1.1 Plasma-Cleaning Effect for Surface Functionalisation 

Prior any surface modifications in this study, the electrodes were first treated in 

plasma-cleaner. Besides removing organic contaminants on the surface, plasma-

cleaning also helps to promote hydroxylation on its surface for surface 

functionalisation [10, 11]. The wettability effect on the plasma-cleaned surface was 

assessed using contact angle measurement. As can be seen from Fig. 5.1, the 

hydrophilicity property of the gold electrode surface has greatly increased after 

plasma-cleaned.  

 

 

Figure 5.1: Plasma-cleaning effect on gold microelectrode array. Without plasma 

cleaning the surface is hydrophobic (left) and after plasma cleaning, the surface 

became hydrophilic (right).  

 

A stability study on the duration of plasma-cleaning effect on the gold surface 

showed that surface hydrophilicity only lasts within an hour after the plasma-

cleaning (Fig. 5.2). The hydrophilicity properties gradually diminished after 

overnight. Although the surface functionalisation/modification could be carried out 

several hours after the plasma-cleaning, its hydrophilicity effect is as not as superior 

as within the first hour of the cleaning. Therefore it was concluded that it’s the best 

to conduct the surface functionalisation as soon as the surface has been plasma-

cleaned.  
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Figure 5.2: The study of plasma-cleaning effect over time. 

 

 

5.2 Histidine-Tagged Protein Immobilisation on Gold Surface 

A histidine-tagged protein is an amino acid protein containing imidazole functional 

groups that consists of at least six histidine (His) residues, often at the N- or C-

terminus of the protein, hence also known as hexa histidine-tag (Fig. 5.3). A number 

of research groups have reported the immobilisation of His-tag protein for the study 

of protein-protein interactions [8, 12-16]. A widely reported approach for 

immobilising His-tag protein on solid was adapted from the immobilised-metal 

affinity chromatography (IMAC) technique that was originally developed for protein 

purification purpose. The concept of IMAC was based on the known affinity of 

transition metal ions such as Zn
2+

, Cu
2+

, Ni
2+

 and Co
2+ 

to histidine proteins [17, 18] 

with  iminodiacetic acid (IDA) or nitriloactetic acid (NTA) as the chelating ligand 

[18].  NTA is a tetradentate ligand that have higher affinities for metal ions than the 

tridentate chelator, IDA. For metal ion immobilisation at the electrode surface, 

different matrices can be used such as self-assembly monolayer [9, 13, 19-21] or 

conductive polymers [22, 23].  
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Figure 5.3: (A) A His-tag protein with six histidine groups and (B) structure of L-

histidine.  

 

Such application of NTA/histidine-tag immobilisation now has been extensively 

applied in numerous applications including surface plasmon resonance (SPR) [3, 12, 

13, 24] and electrochemistry [20, 25, 26]. This particular immobilisation technique is 

favoured owing to its controlled protein orientation, specificity, surface regeneration 

and reversibility characteristics [12, 13, 26].  

Here we present an immobilisation method for His-tag protein using self-assembly 

monolayer and NTA-Cu
2+

 as the metal chelating ligand on a 1-mm gold disc 

electrode surface. Each modification steps are characterised electrochemically using 

CV and EIS techniques. All electrochemical characterisations were carried out in 1 

mM FCA in PBS pH 7.4 using a two electrode system with Ag/AgCl RE merged 

with CE and the gold electrode as the WE. In addition, an atomic force microscopy 

(AFM) study was carried out at every modification steps. His-tag protein model used 

in this study was PduA shell protein.  

 

5.2.1 Atomic Force Microscopy 

The atomic force microscopy (AFM) is a type of scanning probe microscopes 

(SPMs) that allow researchers to see, measure, analyse and study surface 

structure/topography with precise resolution and accuracy. Its application varies 

from physical and material sciences, nanotechnology, biological and even industrial 

(e.g. semiconductor industry) [27]. Unlike any other type of microscope that requires 

lenses for visualising images, AFM generates an image by ‘feeling’ the sample 

surface  

A B

Protein
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with its cantilever’s tip rather than ‘looking’ at it. An analogy given by Morris et al. 

(2010) in his textbook is that AFM is in resemblance of a blind person feeling 

objects with their fingers thus building up the images based on the touch [28].  

The schematic in Fig. 5.4 illustrates the main features of an AFM. Here, several 

important parts and basic concepts of AFM are briefly described.  

 

 

Figure 5.4: Schematic representation of the atomic force microscopy

. 

 

i) AFM cantilevers and probes- the tip/stylus at the end of the cantilever 

come in contact with the sample surface. They are fabricated using 

MEMS technology and made of silicon or silicon nitride. The sharpness 

of the tip determines the resolving power of the instrument. The 

cantilever allows the tip to move up and down as it tracks the sample and 

has very low spring constant or force constant. 

ii) Piezoelectric transducers – The sample is mounted on top of the 

piezoelectric transducer that converts electrical potential into mechanical 

motion.  

                                                           
 Image taken from http://pharm.virginia.edu/AFM.html 
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iii) Detection mechanism- A laser beam is focused on the end of the 

cantilever (preferably direct over the tip) and then reflected off onto a 

photodiode detector. In modern instruments the photodiode is split into 

four segments (quadrants). As the tip moves in response to changes on 

the sample topography during scanning, the angle of the reflected laser 

beam changes, and so the laser spot falling onto the photodiode moves, 

producing changes in intensity in each of its quadrants.  

In life sciences application, AFM imaging on immobilised proteins such as 

antibodies [29, 30], DNA [31, 32] and even cells [33, 34] to name a few, have been 

reported. All images in this study were taken by a tip with tapping mode. In the 

tapping mode, the cantilever is externally oscillated at its fundamental resonance 

frequency (~300 kHz) (Fig. 5.5). A piezoelectric on top of the cantilever is used to 

adjust the amplitude of oscillation as the probe scans across the surface. The 

deviations in the oscillation frequency or amplitude due to interactions between the 

probe and surface are measured, and provide information about the surface or types 

of material present in the sample. This method is gentler than contact AFM since the 

tip is not dragged across the surface, but it does require longer scanning times. It also 

tends to provide higher lateral resolution than contact AFM [28]. The exerted forces 

are in pN range hence less destructive in comparison with the contact mode.  

 

 

Figure 5.5: Diagram of probe and surface interaction in tapping mode. 

 

Generally AFM use is easier than an electron microscope as there is a minimal 

sample preparation (SEM and TEM operate in vacuum hence require further 

treatment if the sample is non-conductive) and almost any sample can be measured. 

Nevertheless the drawback of AFM is that its image recording is usually slower than 

the SEM.  
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5.2.2 PduA Shell Protein 

PropaneDiol Utilization (Pdu) is a type of shell protein that can be found in many 

bacteria, which can make bacterial microcompartments (BMC). Bacterial 

microcompartments are functionally diverse groups of proteinaceous organelles that 

confine specific reaction pathways in the cell within a thin-protein based shell [35]. 

The Pdu microcompartment, for instance, provides reactions for metabolizing 1,2-

propanediol in certain enteric bacteria. The Pdu segment contains about 20 genes 

with different function, like PduA, PduB, PduJ, PduK, which are proved to be shell 

proteins of the microcompartment (Fig. 5.6).  

 

 

Figure 5.6: The bacterial microcompartment (BMC) and the associated shell 

proteins. The faces of the BMC structure are formed from the association of 

hexagonal shell proteins, with the most abundant PduA, PduB, and PduJ shell 

proteins. The vertex of the assembly is formed with a pentameric shell protein, 

which in the propanediol metabolosome is thought to be PduN (highlighted in red). 

The metabolism associated with 1,2-propanediol (1,2-PD) is shown schematically. 

Taken from Ref. [36].  

 

The Pdu shell proteins are particularly interesting to study as it houses enzymes 

conversion besides protecting the cell from toxicity of the reactive aldehyde 

intermediate that is formed during their catabolism. Moreover, Pdu proteins have 
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potentially interesting electrochemical properties. The choices of PduA in particular, 

on the other hand, is due to the abundance of this shell proteins in the BMC [36]. 

PduA forms a symmetric homohexamer whose central pore appears tailored for 

facilitating transport of the 1,2-propanediol substrate [35]. The Pdu 

microcompartments are heterogenous in size, with diameter ranging from 100-160 

nm [35, 37] and are composed of a proteinaceous interior surrounded by a 3- to 4-nm 

protein shell [37]. Pdu microcompartment proteins can be expressed from bacterias 

such as Salmonella and Citrobacter. However PduA shell protein produced in this 

study was from Lactobacillus reuteri in the same manners as described in the 

literature [38] with His-tag group bounded to N-terminus of the protein.   

 

5.2.3 Gold Surface Modification 

The electrode used in this study was a 1 mm in diameter gold disc with chip 

dimension of 3 mm x15 mm (Fig. 5.7A). The electrode was fabricated by standard 

lithography technique consisted of the fabrication steps as presented in Fig. 5.7B. 

 

 

Figure 5.7 :  (A) Picture of gold electrode with 1mm disc used in this study; and          

(B) simplified fabrication process for the electrode. 

 

Prior the modification, gold electrode was first plasma cleaned for 10 minutes with 

the highest UV light setting (100 W, 600mTorr). The gold surface was then activated 

A B
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with self-assembly monolayers (SAM) of long chain 11-mercaptoundecanoic acid 

(11-MUA). The SAM method is a renowned method in modifying gold surface 

where the functional group of disulfides (R-S-S-R), sulfides (R-S-R) and thiols (R-

SH) strongly bind on metal particularly gold surface [39] while the other end site  

remains open for subsequent layer modification. We particularly chose 11-MUA, 

alkanethiols with a longer chain length as it gave a higher degree of surface coverage 

with less defects and a higher electron transfer resistance [40]. Long chain 

alkanethiols (number of methylene groups n>10) assemble in a crystalline-like way 

and the reduction in the chain length merely leads to less ordered structures [41].  

An intermediate ester was then formed with 1-ethyl-3-(3-dimethylaminopropyl)-

carbodiimide (EDC) and N-hydroxysuccinimide (NHS) reaction. After the coupling 

step of the primary amino group of the NTA derivative to the carboxyl terminal 

group of the SAM, the surfaces were then incubated in diethanolamine solution (as a 

substitution to the ethanolamine) in order to block unreacted activated carboxyl 

groups. The Cu
2+

 complex was then introduced and this should be done at pH >4 as 

acidic media with pH less than 4 will prevent Cu
2+

 coordination [23]. Although Ni
2+

 

was widely favoured to be used as the transition metal, nevertheless Cu
2+

-NTA links 

to His-tags protein more strongly than cobalt or nickel [42]. Furthermore in terms of 

occupational safety and health with regard to hazard issue, Cu
2+

 poses less health 

risk as long exposure to Ni
2+

 was known for being carcinogenic [43-46]. Besides 

Cu
2+

 and Ni
2+

, the usage of Co
2+

 [47] and Zn
2+

 [48] were also reported in His-tag 

protein immobilisation. 

The PduA shell His-tag protein was subsequently bound to the NTA-Cu
2+ 

complex. 

The schematic diagram for the gold surface modification is illustrated in Fig. 5.8. 

Apart from His-tag immobilisation, NTA-Cu
2+

 metal ligand also has been reported 

for its successful immobilisation for other class of proteins such as antibodies [22, 

49], peptides [3], lipopolysaccharide [50] as well as plasmid DNA, RNA and 

endotoxin [51].  
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Figure 5.8 : Procedure of gold surface modification involving 11-MUA SAM and 

immobilisation of His-tag protein onto an alkanethiol SAM. 

 

The NTA-metal complex of Cu
2+

, Ni
2+

, Zn
2+

 and Co
2+

 exhibits affinities and 

specificities toward histidines as illustrated in Fig. 5.9 [51], similar to reported for 

the IDA-metal complex [52-54]. While Ni
2+

 is the most widely available metal ion 

for purifying histidine-tagged proteins which provides good binding efficiency to 

His-tag proteins, it also tends to bind non-specifically to endogenous proteins that 

contain histidine clusters. Co
2+

 on the other hand, exhibits the most specific 

interaction with His-tags, resulting in the least nonspecific interaction. However its 

poor binding is the major drawback. In comparison, Cu
2+ 

binds His-tags more 

strongly than cobalt or nickel. This provides the highest possible binding capacity 

but also the poorest specificity. For this reason, Cu
2+ 

is usually used only for binding 

applications in which purification is not the objective. 

 

Figure 5.9 : Affinity and specificity for the transition metals binding with His-tag 

protein 
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5.2.4 Results and Discussions 

Evaluation of Immobilisation Procedure Using a Fluorescent Model 

The feasibility and operability of the proposed immobilisation method was 

conducted by an initial study using Alexa Fluor® 488; a Penta-His fluorophore dye 

conjugates with excitation and emission wavelength at 494 nm and 519 nm 

respectively. Using a fluorescent model will allow us to evaluate the immobilisation 

procedure optically. Green fluorescent tag colour emitted under the selected filter of 

the microscope will indicate the viability of the immobilisation procedure and vice 

versa. Alexa Fluor used in the immobilisation study was prepared with dilution of 

40x in PBS pH 7.4. 

Two control surfaces consisted of unmodified electrode without any modification 

(Fig. 5.10A) and surface modification with SAM-NTA without Cu
2+

 have been 

employed (Fig. 5.10C). As can be seen under the fluorescence microscope, no 

significant green fluorophore were observed in when there is no metal ion being 

coordinated to the NTA. This proved that coordination of NTA-Cu
2+

 helps to form a 

significant distribution and orientation of the immobilised Alexa Fluor (Fig. 5.10B).  

 

 

Figure 5.10 : (A) Control gold unmodified electrode ; (B) Alexa Fluor 

immobilisation on gold electrode using SAM-EDC/NHS-NTA-Cu
2+

 approach ; (C) 

Alexa Fluor random orientation on gold surface when Cu
2+

 step is omitted. Scale bar 

200 μm.   

 

The immobilisation technique using the real His-tag model (PduA shell protein) is 

now discussed.  
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PduA Shell Protein Adsorption Study  

The idea of having an initial protein adsorption study via AFM was to investigate the 

PduA protein size in its crude solution. Physical adsorption of protein is indeed the 

easiest and quickest mode for biomolecule immobilisation on metal surfaces.All 

AFM images in this study were taken by tapping mode and analysed using SPIP 

(Scanning Probe Image Processor) software version 4.7.2. 

PduA shell protein adsorption on gold surface was confirmed by the increment of 

surface roughness on the electrode surface. The protein adsorption has resulted 

surface roughness to increase from 1.86 ± 0.89 nm on an unmodified electrode to 

18.3 ± 3.83 nm on an adsorbed one (Fig. 5.11). Such an observation is similar with 

other researchers that reported the increment of surface roughness upon the adhesion 

of proteins to the sensor surface [55-58].  Particle analysis conducted suggests that 

the adsorbed proteins have diameter of 100-150 nm and height of 40-50 nm; both are 

in consensus with dimensions reported for Pdu microcompartments [35, 37].  X-ray 

crystal structures of shell proteins also revealed that this type of proteins have flat, 6-

fold symmetric hexamers capable of packing in tile-like two-dimensional molecular 

layers [35]. 

 

 

Figure 5.11 : AFM images of (A) unmodified gold surface; and  (B) adsorbed PduA 

shell protein (inset: transmission electron micrograph of purified Pdu 

microcompartment (bar, 100 nm). Taken from Ref. [35]). AFM images of 2 x 2 µm 

scale, Z-scale of 200 nm. 
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Electrochemical characterisations confirmed the adsorption of the protein on the gold 

surface based on the shift in CV and spectra changes in EIS analysis presented in 

Fig.5.12A and Fig 5.12B correspondingly. Electrochemical experiments were 

performed in 1 mM FCA in PBS 0.01 M pH 7.4 with 2 electrodes system. WE used 

was the microfabricated 1 cm disc gold electrode and CE was merged with RE where 

RE is the Ag/AgCl electrode. CVs were taken in the potential range of 0 to + 0.6 V 

at scan rate of 100 mV s
-1

. EIS was taken in frequency range of 0.01-100,000 Hz at 

stimulation ac amplitude equal to 0.001 V and bias potential (E1/2) equal to 0.29 V.  

 As one can see from the CVs upon the protein adsorption (Fig. 5.12A), the 

formation of inert protein layer caused a decrease in the electron transfer in the redox 

reaction of Fc/Fc
+
 ions at the electrode surface. In CV it visualised in a decrease of 

the peak values of oxidation and reduction currents and in a shift of associated 

oxidation and reduction potentials to the side of higher and lower values, 

respectively. This finding is similar with Guo et al. (1996) reported in his study of 

serum albumin adsorption on metal electrodes [59].  

From the EIS spectra presented in Fig.5.12B, the adsorbed protein layer on the 

electrode surface has resulted in a shift of the real impedance at the point where 

imaginary impedance took the minimum to the larger values. Simultaneously, the 

protein layer formation visualised in pronounced semi-circle located at high 

frequencies. In case of unmodified electrode this semi-circle reduced to a very small 

part in the form of incline line. In both cases, only partial semi-circles were observed 

for both electrodes (unmodified and with adsorbed protein) due to the limited value 

of the maximum frequency (instrumentation limit) and number of sampling points 

within the frequency range (50 points). By having the highest frequency range of 1 

MHz and taking more points in future, this will allow us to probe the Rs values and 

accurately calculate the Rct values for both electrodes. However, in the current case 

only Rs+Rct values were able to determine as Rs values were not obtained from the 

impedance spectra.  
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Figure 5.12 : (A) CV of scan rate 100 mV s
-1

; and (B) EIS studies of adsorbed PduA 

shell protein (red line/marker) on gold surface in comparison with the unmodified 

electrode (blue line/marker) in 1 mM FCA in PBS. Inset: impedance of unmodified 

electrode at high frequency. Frequency for EIS 0.01-100,000 Hz 

 

As follows from Fig.5.12B, Rs+Rct  increased by 116 kΩ indicating that the protein 

adsorption with formation of the protein film on the electrode surface has 

successfully taken place. Gu et al. also has reported an increment of semicircle 

formation from Rct 950 Ω on the bare gold electrode to Rct value of 2.9× 10
4
 Ω after 

immersing the electrode in cysteamine aqueous solution [60]. In 2005, Wang et al. 

has observed that Rct value of the adsorbed haemoglobin increased within 1-5 kΩ 

depending on the duration of the incubation time on the macroporous gold electrode 

[61]. 

From electrical equivalent circuit approach this changes in spectra can be explained 

as follows. As well-known, impedance of a macroelectrode can be represented with 

the Randles equivalent circuits presented in Fig. 5.13A. It consists of Rs, which is 

solution resistance; Cdl, which is double-layer capacitance; Rct, which is charge 

transfer resistance and Zd, which is diffusion impedance. In case of macro electrode 

associated with plane 1-D diffusion, Zd is represented by complex Warburg 

impedance: 
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W W W
Zd j

j  
         … (Eq. 5.1) 

where W is Warburg coefficient (or Warburg constant). At high frequencies where 

Rct>>|Zd|, diffusion impedance can be neglected. Thus, the equivalent circuit is 

reduced to the circuit presented in Fig. 5.13B. The impedance spectrum of this 

circuit is a semicircle with the radius equal to Rct  and the frequency where the 

imaginary part of impedance takes its maximum values equal to fmax=1/(2πCdlRct) 

[62]. The semicircle starts from Rs and ends at Rs+Rct on the real axis. 

 

Figure 5.13: (A) A complete Randles equivalent circuit; (B) A reduced Randles 

equivalent circuit at the high frequencies, with the correspond Nyquist plots (inset). 

 

Electrochemical Characterisation of Immobilised PduA Shell Protein 

Electrochemical examination (CV and EIS) and atomic force microscopy (AFM) 

were employed in this study at each step of the gold surface modifications for the 

His-tag protein immobilisation. Although many researchers have reported CV and 

EIS for each immobilisation step from an unmodified electrode to protein 
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immobilisation on the electrode surface, but to our knowledge to date, there is no 

concurrent study that applies the AFM at each step as well.  

Fig. 5.14 shows CV for the seven different steps of the gold electrode surface 

modification including: unmodified electrode, modification with 11-MUA, ester 

formation of EDC/NHS reaction, NTA complex formation, surface blocking with 

diethanolamine, Cu
2+

 coordination and PduA shell protein immobilisation. PduA 

protein dilution used in the immobilisation study was 0.2 mg mL
-1

 in PBS pH 7.4  

 

Figure 5.14 : CV study for PduA shell protein immobilisation on gold surface in      

1 mM FCA in PBS. Scan rate100 mV s
-1

. 

 

The cyclic voltammograms with modified surface show quasi-reversible 

electrochemistry. Each next step of surface modification generally resulted in 

decreasing of peak currents associated with increasing of peak potentials difference 

(peak-to-peak separation) as shown in Fig. 5.15. These observations are consistent 

with the consecutive formation of the thicker blocking layer on the surface at each 

modification step, which hinders access of the redox probe thereby reduces currents 

and increases potential difference (peak separations) to drive the redox process.  
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Figure 5.15: Cyclic voltammograms analysis for gold electrode modifications:       

(A) forward peak potential; (B) ratio for peak current (if/ir); and (C) peak-to-peak 

separation. 

 

The obtained impedance spectra represented typical Randles circuit responses where 

a semicircle region followed by a straight line (Fig. 5.16). Diameter of the semicircle 

increased with the SAM formation, which confirms formation of the isolation 

monolayer on the gold surface. The steric hindrance packing of the NHS ester has 

resulted in an increment change of the impedance spectra for the EDC and NHS 

steps.  Normal perception would assume that the impedance spectra will generally 

increase accordingly with surface modification. Nevertheless, our result has shown 
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that a mixed layer was obtained alongside the modification which can be attributed 

to the rearrangement in the structure of SAM. Hleli and co-workers also has reported 

decreasing EIS spectrum in the modification of gold electrode with mixed SAM with 

immobilised antibody for the detection of atrazine [63] and haemoglobin [64]. 

Similar patterns were obtained by other co-workers [65, 66] in interdigitated 

microelectrodes.  

 

Figure 5.16 : EIS study for PduA shell protein immobilisation on gold surface in 1 

mM FCA in PBS (Frequency 0.01-100 MHz). Inset: Equivalent circuit used to 

model impedance data in the presence of the redox couple. Rs, Rct, Zw and Cdl 

represent the solution resistance, charge transfer resistance, Warburg diffusion and 

double-layer capacitance respectively.  

 

The parameters associated with EIS parameters on 1-D plane diffusion were 

presented in Table 5.1. The Cdl value was determined from the angular frequency 

value, ωmax=2πfmax=1/RctCdl [62]. As can be seen, the Rct values increased 

accordingly with the first two surface modifications, i.e. the self-assembly 

monolayer and EDC/NHS, with decreasing fmax and Cdl values. The Rct remains 

within the same range for the following modifications with constant fmax observed 

(100Hz). The Rct remained within the same range for the following steps from NTA 

formation until Cu
2+

 attachment.  
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Following the EDC/NHS step, EIS spectra for NTA complex showed lower 

impedance. This is because no addition layer was added to the surface but merely a 

replacement in the functional group substitution took place. Additionally, lower 

resistance for the redox probe may imply that SAM abundant with lysine group 

provides a positively charged surface and thus the surface improved the ability of the 

redox probe to access the layer [67]. The same pattern of spectrum with decrease of 

impedance value after NTA attachment was also observed in Cho et al. (2012) 

publication [50]. Following the attachment of the PduA shell proteins, the charge-

transfer resistance of the impedance spectra (Rct), which relates to the semicircle 

diameter, continue to increase to the range of 112 kΩ indicating the successful 

immobilisation of the His-tag protein on the surface.  

Table 5.1 Rs and Rct values for unmodified gold electrode and protein adsorption 

Steps Rs (Ω) Rct (Ω) fmax (Hz) Cdl (nF) 

1. Unmodified  

electrode 

1.52 x 10
3
 60 51,800 51.2 

2. SAM 1.50 x 10
3
 2.06 x 10

4
 373 20.7 

3. EDC/NHS 1.75 x 10
3
 8.75 x 10

4
 100 18.2 

4. NTA 1.64 x 10
3
 8.32 x 10

4
 100 19.1 

5. Blocking with 

DEA 

1.83 x 10
3
 7.90 x 10

4
 100 20.1 

6. Cu
2+

 1.87 x 10
3
 8.07 x 10

4
 100 19.7 

7. PduA shell protein 

immobilisation 

1.93 x 10
3
 1.12 x 10

5
 72 19.8 

 

AFM Study of Immobilised PduA Shell Protein 

The AFM images for each modification steps are presented in Fig. 5.17 as follows: 
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Figure 5.17 : AFM images of each modification steps in immobilising PduA shell 

protein; (A) gold unmodified electrode, (B) SAM with 11-MUA, (C) EDC-NHS 

step, (D) NTA complex formation. (E) blocking with diethanolamine, (F) Cu
2+

 

coordination, and (G) PduA shell protein immobilisation. AFM images of 2 x 2 µm 

scale, Z-scale of 200 nm. 
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The surface roughness of the AFM images from step (A) to (G) in Fig. 5.17 was also 

evaluated as shown in Fig. 5.18. The surface roughness shows an increasing trend 

from unmodified electrode to NTA steps, and decrease upon surface blocking. This 

verifies the blocking solution has successfully blocked the electrode surface hence 

leaving the surface less rough. Roughness peak with height of 100 nm as obtained in 

EDC and NHS could be attributed to salt residue [68].The roughness increased after 

Cu
2+

 addition and decreased when PduA shell protein immobilisation took place. 

This suggests that surface with PduA shell protein had fewer peaks and pits and 

surface became more even and distributed after the PduA immobilisation. 

 

 

Figure 5.18: Surface roughness of the modified gold electrode surface. 

 

In relation with this, Cacciafesta et al. (2001) also has studied a series of titanium 

surfaces with different treatments for human plasma fibrinogen adsorption and found 

that roughness varied enormously with surface treatments [69]. We can hence 

conclude from this, that surface roughness could be correlated with the availability 

of the functional groups and derivatives that are readily open for the subsequent 

surface modification.  

The AFM image with PduA shell immobilisation via NTA-Cu
2+

 was analysed using 

particle and height analysis. The immobilised shell protein also was compared with 

the adsorbed protein as studied earlier (Fig. 5.19). It was found that the PduA protein 

immobilised has height ranging from 40-50 nm and diameter around 100-150 nm, 
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suggesting that they are PduA shell protein as observed from the protein adsorption 

study. The protein size attained from the particle analysis of the AFM images is in 

good agreement with the Pdu microcompartments size as described in the literature 

[35, 37] hence confirming that they are of Pdu proteins.  

 

Figure 5.19: Comparison of the (A) adsorbed; and (B) immobilised PduA shell 

protein. The 3-D images of the scanned AFM images with the measured PduA shell 

proteins were presented. All measured proteins have the same dimension with 

average heights of 40-50 nm with diameter 100-200 nm. 

 

AFM image quality and sharpness deteriorated as the immobilisation process was 

approached to the end of procedure. This can be addressed to the quality of the tip 

that has been extensively used along the immobilisation procedure characterisation. 

In AFM terminology, this is referred as probe artefacts. Contamination of AFM 

probes is quite common, and scanning certain samples, especially biological 

samples, leads to dirty probes more quickly than others. In particular, biological or 

soft samples, or any sample with loose material at the surface, tend to contaminate 
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probe tips quickly, leading to image degradation [70]. The quality of AFM images 

could also be improved by separating the AFM from environmental noise. Floor and 

acoustic noise will lead to results of poor feedback settings and can also appear to 

give rise in noise in AFM images [27]. 

In conclusion, the decrease in CV signal, increment of the EIS spectra and the AFM 

images had confirmed the successful immobilisation of PduA shell protein on the 

gold surface. The dimensions measured from the AFM images of the immobilised 

protein matched with both the dimension of the adsorbed protein and as known from 

literature. The protein shell outer layer estimated of 3 nm however is too thin to be 

seen under the AFM. Although the specificity of the Cu
2+

 was not further 

investigated, it is known from literature that Cu
2+

 has the most affinity compared to 

the other transition metal [42]. Despite being the least specific, Cu
2+ 

is able to bind to 

its specific protein five times higher than the other biological species [50]. 

 

5.3 Antibody Immobilisation on Gold Surface 

Before venturing on surface functionalisation at a recessed microelectrode array for 

antibody immobilisation, the study was first implemented on a macroelectrode 

surface. The microfabricated silicon-based electrode used in this section had a 

rectangle shape with dimension of 20 mm (width) x 70 mm (length) (Fig. 5.20). It 

was produced with fabrication process as was described in Section 5.2.3.  

 

 

Figure 5.20:  Picture of gold macroelectrode with 20 mm x 70 mm surface.  

Three surface functionalisation methods were considered at this first stage, namely 

carboxymethyl dextran (CM-Dextran), and silanisation using (3-

glycidyloxypropyl)trimethoxysilane (GOPTS) and (3-aminopropyl) triethoxysilane 
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(APTES)

. The choice of these immobilisation procedures was due their 

establishment for antibody immobilisation in biosensing. The CM-Dextran method is 

a renowned technique adapted from the SPR chip [71] while GOPTS and APTES are 

the most common silanisation agents used for antibody microarray on glass slides 

[72].  

 

The aforementioned three techniques were investigated by means of electrochemical 

impedance spectroscopy. The goal of this initial study was to compare the stability 

and viability of the selected procedures for antibody immobilisation and to find the 

best immobilisation approach that can be further employed on microelectrode array 

surface for the subsequent study in developing T-2 toxin labelless immunosensor 

(Chapter 6). 

 

5.3.1 Carboxymethyl Dextran 

Carboxymethyl dextran or abbreviated as CM-Dextran, is a polyanionic derivative of 

Dextran. CM-Dextran coated sensor chip has been extensively used in SPR-based 

biosensor immunoassay for immobilising antibodies [73, 74]. CM-dextran in 

conjunction with EDC and NHS amine coupling has demonstrated to provide a high-

density surface for antibody fragment immobilisation [71, 75].  

 

5.3.2 Surface Silanisation Using GOPTS and APTES 

Another class of self-assembled monolayer besides thiols is the silane. Unlike thiols 

that are widely used on gold surface, silanisation is well-associated with silica or 

glass surface [76]. A large range of silane compounds are available with various 

functional groups (amino, thiol, carboxyl, epoxide etc.). Each functional group bears 

different properties, e.g. alkylsilanes is cell repellent while aminosilanes group suits 

cell surface adhesion [77]. In this part, two types of silanes were looked into, namely 

APTES and GOPTS (Fig. 5.21). 

                                                           
 Surface functionalisation at macroelectrodes were prepared by Dr. Terry McGrath of Queen’s 
University Belfast, Northern Ireland and Dr. Karen Twomey of Tyndall National Institute, Cork 



235 
 

 

Figure 5.21: Chemical structure of (A) APTES (containing amino functional group); 

amd (B) GOPTS (containing epoxide functional group). 

 

The silanization process is initialized by hydrolyzation of the alkoxysilane 

molecules. The silanols (Si–O–H) generated will coordinate with the inorganic 

surface hydroxyls through a condensation reaction, forming siloxane bonds (Si–O–

Si) to anchor the silane to the silica surface. Usually this silane SAM will undergo 

curing process (heating at high temperature) to remove water molecules and to cross-

link adjacent silanols forming stable siloxane linkages [76].  

For the GOPTS, a heterofunctional linker (Poly-(ethelene glycol diamine)                

2000 g mol
-1

, abbreviated as DAPEG) and disuccinimidyl carbonate (DSC) are used 

for the anti-T-2 toxin monoclonal antibody attachment (Fig. 5.22).  

 

Figure 5.22: Scheme of PEG layer activated gold substrates. Step (1): Silanized gold 

surface with GOPTS; Step (2): The monolayer of epoxides on the gold surface reacts 

with DAPEG smelter; and Step (3): DAPEG-coated gold surface are activated with 

DSC for antibody binding. Taken and adapted from Ref. [78].  
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Meanwhile 1,4-Phenylene diisothiocyanate (PDITC) was selected as antibody cross-

linker on APTES modified surface as described by Raj and co-workers (2009) [10, 

79]. PDITC is a homobifunctional cross-linker containing two amine reactive 

isothiocyanate groups on a phenyl ring. Reaction with the amine group on silanised 

surface forms a thiourea linkage leaving the second isothiocyanate group free to 

couple with amine groups on the antibody (Fig. 5.23).  

 

Figure 5.23: Schematic diagram of APTES-activated gold surface with antibody 

binding via PDITC linker. 

 

5.3.3 Results and Discussions 

The CV and EIS for unmodified electrodes were first presented and discussed here. 

Four unmodified electrodes were taken randomly in order to assess the uniformity of 

the electrochemical readings for each fabricated electrode. As can be seen from Fig. 

5.24, CV for the macroelectrode in 1 mM FCA in PBS has redox potentials at +0.32 

V and + 0.26 V, similar as obtained for 1 mm gold disc previously (Section 5.2.4, 

Fig. 5.12). The peaks potentials observed are typical in a reversible CV system in 

ferrocene carboxylic acid redox probe (Fc/Fc
+
) for unmodified gold electrodes as 

reported before [80]. The EIS Nyquist plot exhibited a straight line with 45° angle, 

indicating typical Warburg impedance associated with planar diffusion. Overall, all 

the four random electrodes show uniform CV and EIS signal with Rs+Rct value of 

80.25 ± 13.77 Ω.  
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Figure 5.24:  CV (scan rate 100 mV s
-1

); and (b) EIS for four unmodified electrodes 

in 1 mM FCA in PBS. Frequency for EIS 0.01–100 kHz, E1/2 0.29 V. Inset: EIS at 

high frequency range for chip #3 (146 – 100 kHz). 

 

EIS Study on Different Surface Functionalisations for Antibody Immobilisation 

For the immobilisation study, experiments were carried out on minimum of four 

electrodes to investigate the reproducibility of each electrode. The comparisons were 

made on the base of impedance spectra. Anti-T-2 toxin antibody concentration that 

was being used for the immobilisation study was 0.1 mg mL
-1

. Stability of electrodes 

for each modification is displayed in bar chart as the function of Rct differences 

obtained from the impedance spectroscopy (Fig. 5.25). Although CM-Dextran with 

0.1 mg mL
-1 

exhibited the largest Rct difference after surface functionalisation (in kΩ 

magnitude), the main concern was the vast electrochemical signal discrepancy 

obtained between the electrodes. The other two surface functionalisation methods on 

the other hand, despite having lower signal than the CM-Dextran modified 

electrodes, produced more uniform signal response with acceptable standard 

deviation.   
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Figure 5.25: Electrodes with different surface biofunctionalisation for 0.1 mg mL-1 

anti-T-2 toxin antibody concentration; CM Dextran and (insets) GOPTS-PEG and 

APTES-PDITC. 

 

The CM-Dextran surface functionalisation was repeated on several electrodes with 

higher antibody concentration (1 mg mL
-1

), however, the recurrence of 

electrochemical signal instability became a major drawback for selection of this 

technique for subsequent studies (Fig. 5.26). Although CM-dextran surfaces provide 

a reliable and rapid detection particularly in SPR biosensor application, nevertheless 

its issue of non-specific binding and matrix interference remains the major concern 

among researchers [74]. This method is therefore deemed unsuitable for our gold on 

silicon-based microelectrode.  

 

 

Figure 5.26: Surface functionalisation using CM-Dextran method with different 

antibody concentrations. 
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Among all the three surface functionalisations, GOPTS-PEG electrodes exhibited the 

most stable and uniform current changes. However the main concerns related to this 

technique were that it produced small Rct changes in comparison with the unmodified 

electrodes (Fig. 5.27A) i.e. merely within hundreds Ω vicinity. There was also no 

significant difference when antibody concentration was increased one-fold on the 

surface (Fig. 5.27B). Although GOPTS silanisation were reported to be superior on 

glass [72] and silicon nitride substrates [81] with high density protein attachment, 

nevertheless the result was not encouraging on our gold on silicon electrode. This is 

perhaps due to the initial treatment on the gold electrode itself [76] that may be 

lacking of sufficient hydroxyl group to bind with the GPOTS hence affecting the rest 

of the modification protocols.  

 

 

Figure 5.27: (a) Nyquist plot for EIS changes on surface functionalisation with 

GOPTS-PEG surface functionalisation with anti-T-2 toxin antibody concentrations 

of 0.1 and 1 mg mL
-1

 in 1 mM FCA in PBS in comparison with the unmodified 

electrode (Frequency 0.1- 100,000 Ω). (b) Comparison of Rct changes for different 

antibody concentration on GOPTS-PEG surface functionalisation.  

 

The silanised surface functionalisations (GOPTS-PEG and APTES-PDITC) with            

0.1 mg mL
-1

 antibody immobilised were further tested in 0 ppb and 250 ppb of T-2 

toxin concentration to screen their electrochemical response on negative and positive 

toxin stimulation. Comparing both silanisation methods, the APTES-PDITC 
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technique exhibited Rct changes that were three times greater than the GOPTS-PEG 

technique (Fig. 5.28A) with lower signal-to-noise ratio of 5.60 ± 0.50 as opposed to 

7.39 ± 2.1 for GOPTS-PEG.  Even in the presence of low antibody concentration, 

this particular surface functionalisation was able to detect the 250 ppb T-2 toxin 

concentration albeit the matrix interference at 0 ppb T-2 toxin concentration (Fig. 

5.28B).  

 

 

Figure 5.28: (a) Comparison of Rct changes for different silanisation modification 

with immobilised antibody and subsequent antigen binding; and (b) EIS changes of 

APTES-PDITC surface functionalisation with 0.1 mg mL-1 immobilised anti-T-2 

antibody, 0 ppb and 250 ppb T-2 toxin binding in comparison with unmodified 

electrode in 1 mM FCA in PBS (0.1-100,000 Hz), (Inset: close-up of semi-circle 

region for frequency range 10-100,000 Hz). 
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Based on the stability of the APTES-PDITC method on macroelectrode surface, this 

technique is therefore selected for the following application on microelectrode array 

as will be discussed in the next chapter. Although both CM-Dextran and GOPTS-

PEG were favoured elsewhere for antibody immobilisation for biosensor application, 

nevertheless our studies have shown that these techniques were not compatible with 

our microfabricated gold on silicon electrodes. This can be addressed to: (i) Nature 

of the surface functionalization that requires several days of the entire modification. 

In CM-Dextran method for instance, long exposure time in SAM solution may 

improve self-assembly monolayer formation, however continuous treatment that 

requires long immersion times may impair the SAM formation as well. With regard 

to this, APTES-PDITC modification steps require only one day hence surface 

modification is readily available for antibody attachment. (ii) Pretreatment of the 

surface [82, 83]. Since the methods employed here mostly suit for silica-based 

substrates, a more robust pretreatment strategy for gold surface should be sought.  

 

Optical Inhibition Study for Immobilised Anti-T-2 Antibody on APTES-PDITC 

Functionalised Surface  

The immobilised anti-T-2 toxin antibody on the APTES-PDITC functionalised 

surface was further tested by optical inhibition study. In this study, a horseradish 

peroxidase (HRP) conjugated T-2 toxin can be used to monitor an antibody 

immobilisation. Figure 5.29 outlines the basic principles involved in this optical 

method whilst Figure 5.30 describes the principles for showing inhibition which can 

in turn lead to the production of calibration curves. 
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Figure 5.29: Basic principles of optical method used to test immobilisation strategies 

(A: immobilised anti-T-2 toxin antibody on the modified gold surface. B: 

introduction of HRP conjugated T-2 toxin. C: Following washing, only the bound 

toxin remains attached to the immobilised surface. D: following addition of enzyme 

substrate, a colour develops that is proportional to the amount of bound HRP 

conjugated toxin. This development can be stopped at a given time by the addition of 

a stop solution and the colour development recorded at 650 nm using a 

spectrophotometer. 

 

 

Figure 5.30: Inhibition principles for optical testing method (A: for a negative 

sample, a fixed concentration of HRP conjugated toxin is mixed with a set volume of 

buffer and left to react on the surface for a set time before washing and the addition 

of enzyme substrate thus facilitating the development of colour in solution. B: for a 

positive sample the HRP conjugated toxin is mixed with a set volume of 

unconjugated toxin. The colour development after the addition of enzyme substrate 

will be less or even none. Calibration curves can be generated by using different 

concentrations of unconjugated toxin). 
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The anti-T-2 toxin antibody concentration used in this study was 1 mg mL
-1

. The 

experiments were conducted using the competitive direct enzyme-linked 

immunosorbent assay (ELISA) approach as explained employing only two standard 

concentrations of 0 and 250 ppb T-2/HT-2 toxin. All the reagents and toxin used in 

this study was from Veratox® kit, Neogen.  

The results of optical inhibition study are presented in Fig. 5.31. As can be seen from 

the figure, the absorbance of the toxin caused by enzyme-substrate interaction was 

inversely proportional to the concentration of T-2 toxin. This is typical inhibition 

signal associated with the ELISA method. Using the APTES-PDITC technique for 

antibody immobilisation, 78% inhibition was observed indicating the viability of this 

functionalisation protocol on the gold surface silicon-based macroelectrode.  

 

 

Figure 5.31: Optical inhibition test study on APTES-PDITC functionalised surface 

with 1 mg mL
-1

 immobilised anti-T-2 toxin antibody. Inset: Schematic diagram for 

direct competitive ELISA happening on the surface. The 0 ppb containing the 

highest concentration of enzyme-conjugated T-2 toxin produced the highest 

absorbance as the result of enzyme-substrate interaction.  
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5.4 Conclusion 

This chapter has looked into various surface functionalisation techniques for two 

types of protein immobilisation for biosensor application, namely Histidine-tagged 

protein and antibody for mycotoxin T2-toxin. In the beginning, we have also shown 

how plasma-clean effects the surface wettability property in ensuring a success 

surface functionalisation/ modification. A stability study of plasma-cleaning effect 

has proven that the wettability property will be diminished over time and hence it is 

a prerequisite to plasma-clean the surface prior any modification steps.  

In the first part, the immobilisation of histidine-tagged protein with PduA shell 

protein model using 11-mercaptoundecanoic acid SAM with NTA-Cu
2+

 ligand was 

found successful. The characterisation studies for this part were comprehensive and 

consisted of CV, EIS and AFM. The CV had transformed from a reversible to a 

quasi-reversible system on both adsorbed and immobilised PduA shell protein, 

confirming the surface modification on the gold electrode. Through EIS study, we 

have demonstrated that the EIS spectrum did not necessarily increased at each 

modification steps due to the surface charge and electron permeability. The SAM 

layer formation could be improved by carrying out the EDC/NHS steps in three 

cycles as the first cycle only activates the first cycle of EDC/NHS on 11-MUA only 

activate 50% of the carboxylic acid in the MUA monolayer converted to amides. 

This limitation is due to the steric packing of the NHS ester intermediate. After three 

cycles of exposure to EDC/NHS, it was reported that the MUA activation has been 

enhanced up to 80% [84]. The protein dimensions obtained from the particle analysis 

of the AFM images are in good agreement with the protein size known from 

literature. To improve the coordination of Cu
2+

 with NTA, the solutions can be kept 

under stirring condition during the electrode immersion [23]. 

The second part of this chapter investigated the compatibility of three different 

surface functionalization approaches on the gold electrode for antibody 

immobilisation, i.e. CM-Dextran and silanisation using GOPTS-PEG and APTES-

PDITC. This initial study indicated that although CM-Dextran exhibited the largest 

impedance changes upon surface functionalization and antibody immobilisation, the 

instability and variation of signal produced by the modified electrode were of major 

concern. The GOPTS-PEG technique, on the other hand, exhibited the most uniform 
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and reproducible signal. Nevertheless, due to the lowest impedance signal, this 

technique also was omitted for the further study. The APTES-PDITC method by far 

has proven to be viable and compatible on our gold on silicon macroelectrode, as 

proven by both electrochemical impedance characterisation and optical inhibition 

study with ELISA approach. The selected method also exhibited low signal-to-noise 

ratio compared to GOPTS-PEG silanisation method.  

The following chapter will discuss the development of T-2 toxin immunosensor 

using APTES-PDITC method for surface functionalization on the recessed 

microelectrode array.  
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CHAPTER 6 

DEVELOPMENT OF T-2 TOXIN 

IMMUNOSENSOR 

____________________________________________ 
 

6.1  Introduction to Immunosensor 

A biosensor that utilises antibody or antigen as the biorecognition element is referred 

to as an immunosensor. Simply put, an immunosensor is an adaptation of 

immunoassay in biosensor format [1, 2]. The renowned and established 

immunoassay is the enzyme-linked immunosorband assay (ELISA); and using 

similar approach, its procedures and reagents can be employed in the labelled-

immunosensor development. Such work has been demonstrated by Tothill and co-

workers using electrochemical measurement [3-7]. Enzymes such as alkaline 

phosphatase and horse-radish peroxidase (HRP) are commonly used as the enzyme-

label with this regard.  

 

 

Figure 6.1: Schematic diagram of the electrochemical immunosensor system using 

an HRP enzyme-label (based on a direct sandwich ELISA) for Salmonella detection. 

Taken from Ref. [4]. 
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In a label-immunosensor, either the antigen or antibody could be labelled in order to 

obtain a measurable signal. Other than the aforementioned enzyme-label, antibody or 

antigen also could be labelled with fluorophore [8] and radioactive label [9]. 

Besides electrochemical, interactions between the immobilised antibody and the 

target antigen can be monitored using optical [8, 10], mass sensitive [11, 12] or 

thermoelectric immunosensors (thermistors). The latter detection however has the 

least application in immunosensing [2]. Although initially optical immunosensor 

were preferred in late 1990s/early 2000s, current trends have shown that 

electrochemical immunosensors are gaining considerable attention due to their 

simplicity,  the ease of miniaturisation and the low cost of the instrumentation [13, 

14]. The most common electrochemical techniques employed in immunosensor are 

the CV [5], chronoamperometry [3, 4], EIS [15], capacitance [16] and potentiometry 

[17]. To gain better insight and understanding of the antibody-antigen interaction, a 

combination of two or more electrochemical techniques can be used as well [17]. 

 

Recently it is becoming of interest to conduct an immunosensor with a label-free 

approach (i.e. direct detection of antibody-antigen binding). This is reflected by the 

emerging of over 300 publications through the Web of Knowledge database for the 

past three years. Getting rid the use of competitive labelled immunoagents may help 

to accelerate the analysis time by eliminating the long incubation steps. However, a 

challenge facing label-free immunosensors is the fact that the antibody-antigen 

binding does not elicit any electrochemical signal hence limiting the electrochemical 

measurements. Among the most widely reported techniques used in measuring 

labelless Ab-Ag interaction in real-time is the surface plasmon resonance (SPR) [18]. 

Lately EIS technique has becoming of interest to probe the antibody-antigen binding 

owing to its sensitivity of analysing surface phenomena and changes of bulk 

properties [19]. The work on label-free immunosensor using EIS technique has been 

demonstrated viable by groups of researchers for the detection of cholera toxin [15], 

Salmonella typhimurium [20],  multiple sclerosis [21], E.coli [22] and pesticide 

(atrazine) [23], to name a few.  
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6.1.1 Antibodies 

Antibodies are highly selective glycoproteins, which are produced by mammalian 

immunological systems in response when being triggered by an antigen [24]. An 

antigen could be any foreign substance, either protein (bacteris, cells, fungi, virus) or 

non-living substances (toxin, chemicals, drugs), to one’s immune system. Antibody 

is also known as immunoglobulins (Igs) and be categorised into five different classes 

of IgG, IgA, IgM, IgD and IgE; depending on the number of domains in the constant 

regions of the heavy chains and positions of the disulfide bridges (Figure 6.2a). The 

IgG (immunoglobulin G), the most abundant immunoglobulin species in serum, is 

the most extensively used in immunoassay application. The structure of antibody is 

typically represented schematically as a Y-shape, and consists of two identical Fab 

(fragment antibody) portions hinged to an Fc (fragment crystallizable) part. The Fab 

fragment is a region where binding with antigen takes while the Fc region is the tail 

region of an antibody that interacts with cell surface receptors [24]. 

 

 

Figure 6.2: (a) The five classes of antibodies (b) Structural regions of an antibody 

molecule. 

 

Depending on the nature of its production, antibodies can be divided into either 

monoclonal or polyclonal type antibodies. Monoclonal antibodies are produced by a 

single clone of antibody-producing cells where spleen cells are taken from the 

immunised animals for cloning using hybridoma technology [25]. Polyclonal 

antibodies, on the other hand, are taken from the serum of immunised animals that 



257 
 

will undergo several purification steps and are a mixture of different antibodies 

produced by different cells [26]. Although the polyclonal antibody production is 

relatively cheaper and simple, nevertheless the monoclonal antibodies are more 

specific. Monoclonal antibodies also can be made in cell culture and are therefore 

also more reproducible from batch to batch than polyclonal antibodies. Table 6.1 

shows the difference between monoclonal and polyclonal antibodies. 

 Table 6.1 Comparison of monoclonal and polyclonal antibodies.  

Monoclonal antibodies  Polyclonal antibodies 

High cost to prepare  Cheaper cost to prepare  

High technology and skills required Technology required is low 

Time scale is long for hybridomas Time scale is short 

Can produce large amounts of 

specific antibodies but may be too 

specific 

Produces large amounts of 

non-specific antibodies 

 

Same affinities  Different affinities  

Monospecific antibody  Could not be reproduced  

Detect only one epitope  Recognises multiple epitopes  

Efficient for binding of antigens 

within a mixture of related molecules  

Not useful for probing specific 

domains of antigens  
 

 

Antibody-Antigen Binding 

Antibody–antigen (Ab-Ag) reaction is very specific but its interaction is non-

covalent and weak. Each antibody binds to a particular part of the antigen called the 

antigenic determinant or epitope. The non-covalent bonds involved in Ab-Ag 

binding are hydrogen bonds, electrostatic forces, Van der Waals forces and 

hydrophobic bonds (Fig. 6.3). The non-covalent binding involved in the Ab-Ag 

interaction depends on the proximity of one another. If the antigens and antibodies 

are close to each other, hydrophobic forces and van der Waals can be formed. 

Instead, the electrostatic interactions and hydrogen bonds do not require the antigen 

and antibody to be close.  
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Figure 6.3: Forces involved in antigen-antibody binding. Taken from Ref. [27]. 

 

The strength of a single antigen–antibody bond is termed as the antibody affinity. 

Since each monoclonal antibody has two antigen-binding sites and polyclonal 

antibodies can bind multiple antigenic determinants, antibodies are multivalent in 

their reaction with antigen [28]. In some cases, cross-reactivity also can occur where 

antibodies can recognise other antigens.  

 

6.2 T-2 toxin  

T-2 toxin is a type of mycotoxin. Mycotoxins are highly toxic secondary metabolites 

produced by molds, affecting agricultural industry in particular cereal grains and 

cereal-based foods [29]. Due to its acute toxicity and carcinogecity, the EU and in 

fact, many countries, have established a stringent regulation (e.g. setting the 

permitted level and sample testing) in order to control the contamination [30]. T-2 

and its metabolite, HT-2, is a trichothecene type A mycotoxin. Trichothecenes are 

classified of groups of A, B, C and D; depending on their basic structure and  type A 

trichothecene has no carbonyl group [31]. Fig. 6.4 highlights the structures of the 

most common accruing trichothecene type A and type B. The clinical signs of 

trichothecene infection in animals include feed refusal and vomiting, growth 

retardation, reproductive disorders, blood disorders, dermatitis, oral lesions and 

depression of the immune response [32]. 
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Figure 6.4: Chemical structures of the type A (T-2 and HT-2 toxins) and type B 

trichothecenes (deoxynivalenol, 3- and 15-acetyldeoxynivalenol). Taken from Ref. 

[32]. 

 

T-2 toxin is naturally occurring mold byproducts of Fusarium spp fungus, which are 

potent and toxic to both humans and animals. The immunosuppressive effect arose 

from the toxin has been studied by Rosenstein et al. in 1979 [33]. Lee and co-

workers also has reported death of the rats after being fed with crude culture of 

Fusarium isolates containing T-2 toxin [34]. In cereal production, T-2/HT-2 usually 

has higher incidences and concentrations on oats, barley and wheat. Its occurance is 

such prominent in EU countries [35] and has been highlighted in Norway [36], 

Poland [37], Croatia [38], Turkey [39], Spain [40], and even Pakistan [41]. An 

isolated case of T-2 toxin detection in rice also has been reported in Nigeria [42]. A 

survey carried out in 2009 also indicated an increasing rate of T-2 occurrence in 

Nordic countries reaching concentration as high as 1000 μg/kg, exceeding limit of 

500 μg/kg for unprocessed oats  [35].  

Another concern pertaining to T-2 toxin is the possible misuse of the chemical 

component as a biological warfare agent [43, 44] since mold-toxins are cheap and 

easy to obtain [45]. Details of trichothecene use as biological warfare and its series 

of history has been described in-depth in the textbook of Medical Aspects of 

Chemical and Biological Warfare (Chapter 34) by Wannemacher & Wiener [44]. T-

2 toxin as biological warfare agents can be deployed in the form of dusts, droplets, 
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aerosols, or smoke particles from aircraft, rockets, missiles, artillery, mines, or even 

portable sprayers. According to Paterson (2006), the T-2 toxin posed a significant 

threat as bioweapon as this is a valid weapon and the exposure to a few milligrams of 

the toxin is potentially lethal [46]. T-2 toxin inhibits protein synthesis by binding to 

ribosomal RNA and disrupts cell membranes. 

 

6.2.1 Conventional and Current Methods for T-2 Toxin Detection 

The detection of T-2 toxin could be either based on analytical instrumentation 

methods (quantitative) or screening (qualitative and semi-quantitative, which are as 

described below.  

Instrumentation Methods  

 The conventional instrumentation methods such as gas chromatography (GC) and 

high performance liquid chromatography (HPLC), coupled with various detectors, 

have long being established for the T-2 detection. GC-mass spectroscopy (GC-MS) 

is the most widely employed for the T-2 toxin detection, allowing simultaneous 

analysis of several trichothecenes with high sensitivity [36, 43, 47]. However, GC is 

tedious, requiring sample extraction and derivatisation, and column clean-up [31]. 

Besides that, the derivatisation reagents depends on both the type of trichotecenes 

and detectors used. Besides GC-MS, other T-2 toxin detectors such as electron 

capture detector (ECD) and flame ionisation detector (FID) were also reported. The 

HPLC method, on the other hand, does not need sample derivatisation. HPLC 

coupled with refractive index (LC-RI) and UV [39] detectors have been reported for 

T-2 toxin detection. The latter however was found unsuitable for T-2 detection as T-

2 chemical structure does not contain carbonyl function required for UV adsorption. 

Although fluorescent labelling could be added, this will only prolong the analysis 

time. LC-MC was found to be as superior as the GC-MS in terms of sensitivity and 

the cost but LC-MS does not require the derivatisation step [43]. The major 

drawback of both GC and HPLC however, are that they require highly-skilled 

personnel to operate the high-end instrumentations and the extensive use of organic 

solvents for sample extraction etc. Since this is a lab-based measurement, the 
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detection of the toxin also is confined only in the lab, limiting the need of 

performing in-situ field measurement.  

Screening Methods 

Screening methods provide the simpler approach and involve less complicated 

instrumentation. However, this mode of detection only provides qualitative and 

sometimes semi-quantitative indication based on colour changes. T-2 detection using 

screening methods such as thin layer chromatography (TLC) [38-40] and ELISA [48, 

49] have been reported. The advantage of TLC method is that it is a simple, robust, 

offline method with adjustable detection limit. Nevertheless, this method is 

susceptible to interference [42] with higher variance [50]. The ELISA kit for the T-2 

toxin detection is widely available from various companies such as Ridascreen, 

Neogen and Bioo Scientific, to name a few. ELISA can also serve as a quantitative 

method but the drawback derived from ELISA is that it requires lengthy time as it 

involves an indirect antibody-antigen binding. A more recent trend for screening T-2 

toxin is by using immunodiagnostic strip tests (also referred as dipstick or 

immunochromatographic) based on lateral-flow technology where the antibodies are 

conjugated with colloidal nano-gold particle (Fig.6.5). However, challenges rely on 

adjusting the flow properties of the test strip besides reducing matrix background 

interference [51]. Several immunostrips are commercially available nowadays and 

can serve as both qualitative and semi-quantitative measurements, however, all of 

these claimed “rapid tests” are still based on the competitive immunoassay format 

[51-53]. Furthermore to quantify the concentration, a mini reader instrument is 

required thus increasing instrumentation cost.  

 

  

Figure 6.5: Principle of competitive assay in test strip format. Taken from Ref. [51]. 
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Biosensor for T-2/HT-2 Toxin Detection 

The first biosensor work on T-2 toxin detection using optical biosensor approach 

was reported by Williamson et al. in 1989 [9, 54]. In his study, T-2 toxin monoclonal 

antibody (MAb) was immobilised on quartz fibre and its specific T-2 antigen was 

labelled with radiolabel [9]. Direct detection of T-2 antibody (both polyclonal and 

monoclonal) and its specific T-2 toxin has been demonstrated by using total internal 

reflection ellipsometry (TIRE) supported by QCM impedance methods [55]. An 

SPR-based biosensor for T-2/HT-2 screening detection in cereals and maized-based 

baby food was conducted in 2010 by Elliot and co-workers [56]. The following year, 

Gupta et al. also reported the similar approach using SPR for detecting molecularly 

imprinted polymer (MIP) T-2 toxin with a little EIS work to study and compare the 

immobilisation procedure [57]. All of the aforementioned techniques involving both 

SPR and QCM are based on optical biosensor. The only work based on 

electrochemical biosensor for T-2 toxin detection by using multichannel 

electrochemical immunosensors (MEI) on 96-well screen-printed microplate has 

been published by Piermarini et al. [49]. However, the indirect detection of Ab-Ag 

was used in this study and the signal generated by the enzymatic subsrates of TMB 

and T-2 toxin MAb conjugated HRP was measured using intermittent pulse 

amperometry (IPA) technique.  

 

6.3  Objectives of the Study 

Concerning the toxicity posed by T-2 toxin in both agriculture and bioweapon use, it 

is therefore important to develop a direct and straight forward method for its 

detection. With this regard, labelless detection of Ab-Ag is required and such can be 

achieved by EIS. To our best knowledge, there is no work and publication related on 

labelless detection of T-2 toxin using both microelectrode array and EIS technique 

that has been reported to date.  

Various techniques for immobilising Ab on microelectrode have been reported, most 

of them employing interdigitated array [15]. In contrast and as continuation the 

second part of the previous chapter, the objective of this chapter is to study the 

surface functionalization using APTES-PDITC technique on the microelectrode 
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array for anti-T-2 toxin antibody in frame of T-2 toxin immunosensor development. 

Both microdisc and microband array will be employed with this regard. The 

immobilisation of biological elements at the silicon-based microelectrode array 

indeed is more challenging as the microelectrode dimensions are much smaller 

compared with macro counterparts and consist of hundreds of disc array. What 

makes it more intricate is that all of microelectrodes are the recessed electrodes. The 

fact that microelectrodes are much smaller than macroelectrodes makes them more 

susceptible to noise; each modification of electrode array contribute to the total 

current output thus uniformity of every array is of paramount importance. 

 

6.4  Results and Discussions 

Single WE microelectrode array chip was used in this study. The fabrication is as 

described previously in Chapter 3 (Section 3.2) with 200 nm recess depth. Both of 

the microband and microdisc dimensions are given in Table 6.2. Such dimensions 

were selected following the preliminary characterisation and study that have proven 

these designs have sufficient interspacing distance to allow individual diffusion 

profiles.  

Table 6.2 Dimensions for the microdisc and microband electrode array used in 

surface functionalization for anti-T-2 toxin antibody immobilisation.  

Geometry Diameter 

or Width 

(μm) 

Radius or 

Length 

(μm) 

Centre-to-

centre 

separation 

(μm) (d) 

Number of 

electrodes, 

N 

Surface 

area, A 

(cm
2
) 

Disc 10 5 100 323 2.537 x 10
-4

 

Band 10 500 100 17 8.5  x 10
-4

 

 

In our study, the antibody immobilisation on the microelectrode array will be 

evaluated by both CV and EIS. It was highlighted earlier in Chapter 4 and 5 that 

parameters associated with EIS (Rs, Rct and Cdl) are not possible to determine using 

equations developed for the electrode with plane diffusion since the microelectrode 
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arrays possess a mixed diffusion layer. However, it is well known that EIS technique 

is able to probe the bulk properties happening on the electrode surface. In this case, 

the change of one impedance element- a resistance or a capacitance- can be 

monitored the changes upon surface functionalization. In this study, the changes and 

reading taken from the EIS were from the shift of Rct by extrapolating the Rct semi-

circle. This measurement is referred as resistance-based sensors [19].  

There were several other approaches on determining and taking the impedimetric 

readings. Modern impedance analysers are able to provide data evaluation software 

and fitting programmes which allow the calculation of transfer functions according 

to an equivalent circuit [19]. Recently, Abdul Rahman and co-workers (2013) 

measure the conductance and dielectric properties of the bulk samples on the 

interdigitated array where the electrochemical spectrum analysis algorithm was 

employed to model the CPE element and curve fitting technique was used to extract 

values [58, 59]. Similar modelling and fitting analysis also was reported by other 

researcher in the detection of human-chorionic-gonadotropin [60]. While this 

indirect analysis method could be accurate nevertheless but development of the 

fitting procedure is a specific complex task, which was not inside objectives of the 

current study. Thus, a more straightforward approach demonstrated by other 

researchers [15, 19, 61-64] and based on estimating and comparing the Rct values 

was utilised in the EIS discussion in this chapter. 

 

6.4.1 Silanisation Using APTES with PDITC Cross-Linker 

The application using similar techniques for antibody immobilisation  for Aflatoxin 

M1 immunosensor had been demonstrated viable as reported by Parker et al. (2009) 

on gold microelectrode array of [5] and by Herzog et al. (2009) on microporous 

silicon membranes [65]. In these publications, optical (fluorescence microscopy) and 

electrochemical characterisations namely cyclic voltammetry were described but 

none have discussed the EIS approach. 

For a beginning, two microdisc electrode arrays were tested with APTES-PDITC 

surface functionalization with two different concentrations of anti-T-2 toxin antibody 

immobilised (0.5 mg mL
-1

 and 1 mg mL
-1

). The CV and EIS were analysed after 
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each modification steps, i.e. unmodified electrode, after APTES-PDITC activation 

and after antibody attachment. In the beginning, two different microdisc array 

electrode with similar EIS curve and limiting current values from were selected. 

Thus, prior modification, electrodes have limiting current of 401.4 ± 19.1 and 389.35 

± 4.05 (experimental limiting current of 338 nA) (Fig. 6.6) with similar EIS curve 

and magnitude. The unmodified disc arrays showed a typical flattened semi-circle 

EIS curves.  

 

Figure 6.6: EIS (frequency 0.01- 100,000 Hz) and CV (scan rate of 100 mV s
-1

) 

performed in 1 mM FCA in PBS for unmodified electrodes. 

 

Upon surface functionalization with APTES silanisation and PDITC attachment 

(Fig. 6.7), both electrodes exhibited massive impedance difference in the magnitude 

of 2 MΩ. The two semicircles observed at this stage. The first semicircle can be 

regarded to the bulk material;  the second semi-circle derived from the adsorption on 

the interface [66].  After antibody immobilisation, the impedance curve decreased, 

which can be attributed to the rearrangement of the silanisation layer. The first 

antibody attachment of 0.5 mg mL
-1

 exhibited similar patterns between the two 

different disc arrays whereby the first semi-circle has imaginary value within 300-

400 kΩ. The second small semi-circle had Rct value difference of 500 kΩ 

approximately. The addition of second concentration of the antibody (1.0 mg ml
-1

) 

on the first microdisc array showed no further increment in impedance spectra that 

can be attributed to the saturation of the antibody immobilisation on the surface. 

However, for the second microdisc electrode, the addition of subsequent 

concentration resulted in a decrease of impedance curve. This could be due to the 
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detachment of the silanisation layer as the APTES-PDITC linker layer obtained on 

this electrode had different pattern in comparison with the first microdisc electrode.  

 

 

Figure 6.7: EIS (frequency 0.01- 100,000 Hz) and CV (scan rate of 100 mV s
-1

) 

comparison for two different 10 μm microdisc electrode array functionalised with 

APTES silanisation with PDITC linker for two anti-T-2 toxin antibody 

concentrations immobilisation. Electrochemical measurements were performed in 1 

mM FCA in PBS.  

 

Discrepancy in electrochemical impedance signal from both microdisc array may 

suggest the non-uniformity of the silanisation layer formation that took place on the 

two different electrodes. This could be seen by the difference in the two semi-circles 

observed after the APTES-PDITC layer deposition. In terms of limiting current, the 

currents decreased by 22% after antibody attachment for both microdisc array. The 

large deviation of impedance reading between two devices using silanisation with 

PDITC linker also have been reported by Manning and co-workers (2007) for the 

DNA biosensor on the diamond drilled substrates although they concluded that this 

method is reproducible compared to the direct immobilisation approach [67]. 
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The surface properties on the two microdisc electrodes were assessed using contact 

angle measurement before and after the APTES deposition and antibody 

immobilisation (Fig. 6.8). The unmodified electrodes were found to be hydrophobic 

with values of 139-160° for both disc arrays. After silanisation and PDITC linkage, 

the surface was less hydrophobic as the contact angle values obtained were lower. 

The contact angle values for the unmodified surface and after APTES silanisation 

were in the close vicinity as reported by Raj et al. (2009) on his silanised cyclic 

olefin copolymer materials [10]. The two microdisc arrays showed slightly different 

readings for the unmodified and after APTES-PDITC formation. The second 

unmodified electrode (chip #3, marked by red bar) had slightly hydrophobic 

properties and this is reflected by the shift in current reading as obtained in the CV 

for unmodified electrode (Fig. 6.6).  In general, the contact angle readings between 

the two microdisc electrodes were not of much difference after the first antibody 

immobilisation. The fact that these readings remained in the same close values after 

the second concentration of anti-T2 toxin antibody on the first microdisc array could 

be addressed to the saturation of antibody immobilisation.  

 

Figure 6.8: Contact angle study of two different silicon-based 10 μm microdisc gold 

electrode array at different stages of the modification procedures. 

 

The surface functionalization was then applied on microelectrode array with larger 

surface area i.e. 10 μm microband electrode array. Similar to microdisc array, 

unmodified electrodes were first tested and screened before proceed to the 

modification. In this study, three different anti-T-2 antibody concentrations were 
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used (0.5, 1.0 and 2.0 mg mL
-1

). The non-uniformity of APTES-PDITC layer formed 

on these two electrodes can be seen based on the difference of EIS curve generated 

after this step. An increment (positive shift) on the impedance on both microband 

electrodes could be due to the formation of APTES-PDITC layer on the surface. 

What is interesting here is the EIS signal for APTES-PDITC formation on the 

microband array was found different from the microdisc array. On the microdisc 

arrays, the EIS for APTES-PDITC shifted to larger impedance and decreased upon 

antibody attachment. In the case of microband array, the EIS curve for this particular 

step increased accordingly with the antibody immobilisation. As the result of the 

non-uniformity layer of the APTES-PDITC layer, the concentration of anti-T-2 toxin 

antibody that can be attached on the surface also was affected (Fig. 6.9). For 

instance, the first microband can accommodate up to 2.0 mg mL
-1

 concentration of 

anti-T-2 toxin (Fig. 6.9A) while the second microband has limitation up to 1.0 mg 

mL
-1

 (Fig. 6.9B). 
 
The limiting current for both electrodes have decreased by 13-16 

% after antibody attachment. 

 

Figure 6.9: EIS (frequency 0.01- 100,000 Hz) and CV (scan rate of 100 mV s
-1

) 

comparison for two different 10 μm microband electrode array functionalised with 

APTES silanisation with PDITC linker for three anti-T-2 toxin antibody 

concentrations immobilisation. Electrochemical measurements were performed in 1 

mM FCA in PBS.  
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Besides the non-uniformity formation of the APTES-PDITC layer, another drawback 

that we have to deal with when undertaking these procedures was the presence of 

scattering electrical noise at high frequency. The scattering impedance noise was 

recurrence at several microelectrode arrays with MΩ magnitude. In EIS term, such 

noise could be addressed as Rn (noise resistance) and similar electrical noise with 

MΩ values also have been reported before by Behzadnasab et al. (2011) on his 

aminosilane treated nanoparticles [68]. It was found that the noise could be removed 

or eliminated by vigorously washing the electrode with DW. However such action 

could impair the modification layer that formed on the surface. Grygoryev (2013) 

has reported a similar finding in his thesis where it was reported that the deposited 

APTES using the same procedures as ours had increased the electrode impedance 

drastically besides producing poor patterning on the silanised microelectrode [69].  

This is seconded by another thesis publication by Wen in 2011 whom addressed the 

noise in EIS measurement to the non-uniformity of APTES formation [70]. The 

noise level in EIS is dependent on the effective surface area, specific resistance of 

the bulk and the thickness of insulator [71] and in this case we deduced that the 

major contribution in the scattering noise was from the organic solvent traces left on 

the gold surface instead of the APTES itself. According to Mills & Mabbutt (2000) 

the noise could be due to the small applied voltages used in EIS [72].  

Pertaining this surface functionalization procedure, there are several other issues that 

need to be revised and highlighted such as follows: 

1. Pre-treatment of the gold surface. Unlike macroelectrode, the fabricated 

microelectrode arrays need a more robust pre-treatment due to the smaller 

and recessed surface area.  

2. Albeit PDITC has been reported for successful antibody conjugate [73], 

nevertheless since PDITC in this study are immersed in DMF and chips were 

washed with numerous organic solvents prior Ab attachment, another 

alternative for the cross-linker should be sought. Organic solvent traces left at 

gold microelectrode array surface lead to scattering of impedance reading 

when measurement is taken after APTES/PDITC step. Inconsistency in 

vigorous washing may impair Ab immobilisation. 
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6.4.2 Silanisation Using APTES with EDC-NHS Amine Coupling 

Following the previous discussion, the silanisation using APTES will still be 

retained in this study while attention will be given on the surface pre-treatment and 

choices of linker. In 2011, several antibody immobilisation strategies on SPR Au 

chip has been described by Vashist and co-workers [74]. The described method 

employing APTES silanisation with piranha solution pre-treatment and the use of 

EDC-NHS-activation group for antibody immobilisation was proven to be successful 

for antibody immobilisation as well as in its application in both immunoassay [75, 

76] and biosensor performance [74, 77-79]. However such a method has not been 

applied on microelectrode arrays for antibody immobilisation with EIS 

characterisation. Thus this second section of the chapter endeavours to apply and 

study the compatibility of this method with our silicon-based microelectrode array. 

The schematic diagram of different immobilisation strategies carried out by Vashist 

et al. (2011) on the SPR Au chip is presented in Fig. 6.10.  

 

Figure 6.10: Schematic representation of various immobilization strategies employed 

for the SPR-based immunoassay. PrA is protein A. Taken from Ref. [74]. 
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Based on the immunosensor performance reported [74], we narrowed down our 

study on two antibody immobilisation procedures, i.e. covalent attachment (EDC-

NHS-Ab) and covalent-orientation (EDC-NHS-activated Protein A). The choice of 

buffer for antibody dilution also has been changed from borate buffer pH 8.0 to PBS 

pH 7.4 as initial electrochemical study indicated that PBS produced a more positive 

signal for antibody immobilisation (Fig. 6.11). With regard to this, Williamson and 

co-workers [9, 54] also performed the anti-T-2 toxin monoclonal antibody dilution in 

PBS pH 7.4 for the optical study. Such pH has proven to work well with antibody as 

reported by Nabok et al in [55] where their T-2 polyclonal and monoclonal antibody 

were diluted in Trizma-HCl buffer with pH 7.5 Antibody dilution in PBS also has 

been widely used in the work of antibody microarray [78] without compromising the 

electrochemical signal.  

 

Figure 6.11: Comparison of response unit in terms of ΔRct for antibody 

immobilisation with dilution in borate buffer pH 8.0 and PBS pH7.4 with regard to 

the APTES silanisation layer.  

 

Optical Study Using Fluorescent Labelled-Antigen 

The viability of the selected modification for microelectrode arrays was first 

estimated using Mouse IgG and anti-mouse IgG FITC-conjugate on a 40 μm 

microband array. Briefly, the gold surface was first pre-treated with piranha solution 

(30% H2O2: H2SO4, 1:2) before carrying out the APTES silanisation (2% APTES in 

DW) for 1 hour. This was followed by addition of pre-mixed antibody (Mouse IgG) 
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conjugated EDC-NHS on the silane layer before adding its specific antigen (anti-

mouse IgG FITC-conjugate). Upon the successful Ab-Ag binding, green fluorescent 

spotting could be seen, which is indicative of the FITC conjugate fluorescent signal 

(Fig. 6.12A). A control experiment, which omitted the antibody constituent, was also 

employed (Fig. 6.12B) to study the selectivity and non-specific binding with this 

selected procedure. Without the presence of Mouse-IgG, the anti-mouse IgG 

conjugated FITC was still able to bind with the amine group of the EDC-NHS via its 

Fc fragment hence no fluorescent signal was observed. Although some non-specific 

binding of the anti-mouse IgG conjugated FITC could take place on the surface, 

there was however as can be seen in Fig. 6.12B, non-specific binding happened 

within the first 15 minutes of antigen incubation.  

 

Figure 6.12A: Optical fluorescent microscope image to study the viability of the 

immobilisation procedure using piranha solution-APTES-EDC/NHS-Ab steps on 

silicon-based microband array of 40 μm width with the presence of 0.5 mg mL
-1

 

mouse IgG concentration in PBS pH7.4 (Inset: schematic procedure of mouse IgG 

immobilisation and its binding with the anti-Mouse IgG conjugated FITC). 

A 
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Figure 6.12B: Optical fluorescent microscope image to study the viability of the 

immobilisation procedure using piranha solution-APTES-EDC/NHS-Ab steps on 

silicon-based microband array of 40 μm width with the absence mouse IgG. (Inset: 

schematic procedure of anti-Mouse IgG conjugated FITC immobilisation). 

 

The antigen incubation time was also varied and studied between 15 minutes to 1 

hour. This indirectly will allow us to optimise the antibody-antigen (Ab-Ag) binding 

time. By prolonging the incubation time up to 1 hour, this only allowed the non-

specific binding of the antibody/antigen on the surface particularly the silicon nitride 

passivation layer as shown in Fig. 6.13. Hence in order to minimise the non-specific 

binding of antibody/antigen on the sensor surface, the selected Ab-Ag binding time 

that will be further used in this study is only 15-30 minutes.  

B 
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Figure 6.13: Optical fluorescent microscope showing non-specific binding of the 

anti-Mouse IgG conjugated FITC on the silicon nitride passivation layer when the 

incubation time was prolonging to 1 hour. However no non-specific binding was 

observed on the gold surface. 

 

Covalent-Orientated Immobilisation Strategy Using Protein A 

It is long known that the antibody orientation in immobilisation protocol played an 

undoubtedly important role in ensuring the binding with its specific antigen. Such an 

objective could be achieved with the aid of Protein A or Protein G layer that could 

capture the Fc fragment of antibody and leaving the Fab fragment antibody for 

subsequent binding [11, 60, 80]. 

The use of Protein A also had been investigated electrochemically in this study. Fig. 

6.14 showed an EIS result with EDC-NHS-activated-Protein A. As can be seen, the 

Rct increased accordingly with the surface functionalization indicating the successful 

formation of APTES layer and deposition of EDC-NHS-activated Protein A. The 

increment after BSA blocking could be addressed by the BSA molecule that covered 

the surface to block any non-specific binding from happening. The concentration of 

anti-T-2 toxin antibody that could be immobilised within this procedure was found 

to be limited to only 0.1 mg mL
-1

. The impedance decreased when anti-T-2 toxin 

antibody concentration was increased to 0.5 mg mL
-1

 and this could be related to 

Protein A layer desorption on the gold surface. The EIS increment when adding the 

antibody concentration of 1.0 mg mL
-1

 could be due to the non-specific binding or 

adsorption of the antibody on the surface itself. The desorption or leaching of Protein 
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A is possible to happen as reported before [81] due to the longer immersion time of 

antibody incubation on the electrode surface. To verify this, a leaching study with 

Bradford or BCA protein assay could be done in future to assess the leaching 

property.     

 

 

Figure 6.14: EIS (frequency 0.01- 100,000 Hz) of microdisc array with surface 

functionalization of piranha solution-APTES-EDC-NHS activated Protein A with 

anti-T-2 toxin immobilisation of three different concentrations in 1 mM FCA in 

PBS. 

 

The combination of APTES with Protein A had indeed to be superior for antibody 

immobilisation giving high antigen binding signal [74, 82]. However, concerning the 

leaching properties and due to the limitation availability of Protein A stock, this 

immobilisation protocol had to be forgone. Furthermore, according to Kusnezow et 

al. (2003), the blocking process could affect the spot quality [83] and this certainly 

pose a risk in case of electrode array of micron dimensions. The immobilisation 

study thus was continued with the covalent attachment immobilisation procedure 

without the use of Protein A. 
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Covalent Attachment of Anti-T-2 Toxin Monoclonal Antibody Using EDC-NHS 

The procedure employing piranha solution pre-treatment followed by deposition of 

2% APTES in DI water on the microelectrode array was found to be reproducible on 

more than two electrodes (Fig. 6.15). Piranha solution was used for cleaning the 

surface and it was assumed that its etching properties [84], which provide ample 

surface roughness will lend to better formation of the silane layer. There were indeed 

several variations of APTES layer formation between several electrodes but the 

difference was not as massive as observed previously on APTES-PDITC procedure 

on microdisc array. Furthermore no electrochemical impedance noise was observed 

when switching to this procedure, presumable as there were no organic solvents that 

were being used for the washing procedures etc. For instance, APTES in this study 

was diluted in deionised water whilst APTES in the previous procedure was diluted 

in methanol. 

 

Figure 6.15: Nyquist plot showing comparison of reproducibility of the APTES 

layer (2% APTES in DW) on two or more microelectrode for (a) microdisc; and (b) 

microband array (EIS frequency 0.01- 100,000 Hz). 

 

The anti-T-2 toxin antibody in this study was premixed with the EDC-NHS mixture 

but it also has shown that the antibody molecule can be adsorbed on the APTES 

layer as well. However antibody binding based on adsorption on aminosilanes have 

proven to result in lower quality of attachment [83]. This procedure will be further 

used in establishing the standard curve for the T-2 toxin immunosensor 

development.           
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 Anti-T-2 Toxin Monoclonal Antibody Calibration Curve  

In order to ascertain the concentration of anti-T-2 toxin antibody that can 

accommodate both microdisc and microband electrode surface area, an optimisation 

study of the antibody concentration need to be performed beforehand. The 

concentration was run from 0 to 0.75 mg mL
-1

 fo anti-T-2 toxin antibody, diluted in 

PBS. Although Kusnezow et al. (2003) reported the optimum antibody concentration 

that was used in the antibody microarray is 1 mg mL
-1

 regardless of the 

immobilisation technique [83], however due to the limitation of the antibody 

resources, the optimisation study had to be restrained to only 0.75 mg ml
-1

. Besides, 

much higher concentration would only have adverse effect on microarray 

performance. 

The resistance shift/increment on both microband and microdisc array was seen to 

increase accordingly with the surface functionalisation and anti-T-2 toxin antibody 

immobilisation (Fig. 6.16), indicating the presence of bulk material. The electrode 

surface also was not totally blocked as the redox probe was still permissible to the 

gold surface layer. The limiting current from the CV also was found to decrease 

upon the modification. 

 

Figure 6.16: Rct change upon surface functionalization with antibody immobilisation. 

The impedance increment (positive shift) is associated with bulk property and 

formation of additional layer happening on the microelectrode array surface. Results 

presented for (A) 10 μm microband array; and (B) 10 μm microdisc array in 1 mM 

FCA in PBS (Frequency 0.01-100,000 Hz). Inset: CV showing the decrease of 

limiting current accordingly with each surface functionalization steps. 



278 
 

The result for the anti-T-2 antibody immobilisation was first presented here. Fig. 

6.17A showed that the both real and imaginary impedance values increased as the 

concentration of the anti-T-2 toxin antibody was also increased. The calibration 

curve for the antibody concentration that can be immobilised on the 10 μm 

microband array was as shown in Fig. 6.17B where the ΔRct value obtained was 

calculated in regard with the APTES silanisation layer formed from each microband 

array. 

 

Figure 6.17: (A) Nyquist spectra acquired for different anti-T-2 toxin concentration 

response on five different microband electrode array; and (B) shift/difference of 

charge-transfer resistance values with regard to their respective electrodes after 

APTES functionalization steps as a function of anti-T-2 toxin antibody concentration 

(n=2). 

 

The linear calibration line with excellent R
2
 value was obtained from the calibration 

curve. It can be assumed that the microband electrode still can accommodate more 

than 0.75 mg mL
-1

 of antibody concentration since there was no plateau phase yet to 

be observed within this range. However, as mentioned earlier, due to the limitation 
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of the antibody stock and so as to not waste the valuable resources the concentration 

of the anti-T-2 toxin antibody that will be used on the microband array, it was 

decided to use a concentration of 0.75 mg mL
-1 

antibody. 

The limiting currents for the microband arrays were also decreased accordingly with 

the surface functionalization (Fig. 6.18). Prior modifications, the limiting current of 

the unmodified ones were 556.26 ± 43.7 (theoretical limiting current of 632 nA). 

This value was found to be decreased by 3% after 2% APTES formation and up to 

44% after 0.75 mg mL
-1

 of anti-T-2 toxin antibody immobilisation.  

 

 

Figure 6.18: Reduction of limiting current calculated for the 10 μm microband array 

according to surface functionalization.  

 

For the 10 μm microdisc array on the other hand, the antibody calibration curve 

obtained was of a sigmoidal pattern as opposed to the microband array (Fig. 6.19). 

Such difference could be addressed to the geometry of the two electrode arrays. For 

the first two anti-T-2 toxin antibody concentrations (0 and 0.1 mg mL
-1

), the Rct 

response was low and indicative of desorption of the APTES layer. This also could 

be due to the matrix interference (buffer solution). While this effect is not prominent 

on the microband array, the matrix effect is more pronounced at disc array area due 

to the smaller surface or presumably weak hydroxylation on the gold surface. It has 

been reported that in some cases, procedures that required a modification of the 
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antibodies are less suited in practical application and eventually will lead to loss of 

antibody activity [85].  

 

 

Figure 6.19: Sigmoidal calibration curve achieved for anti-T-2 toxin immobilisation 

achieved on the 10 μm microdisc array (n=2). 

 

Based on the calibration curve, the maximum of the anti-T-2 toxin antibody that can 

be immobilised on the disc surface was optimised and determined at 0.5 mg mL
-1

. 

Further increasing the antibody concentration did not result in Rct change, perhaps 

due to the saturation of immobilisation achieved at the disc surface. In terms of 

limiting current, the unmodified microdiscs had limiting current of 407.23 ± 52.9 

(theoretical limiting current of 338 nA). After the silanisation, the limiting current 

was found to decrease by 8%, indicating the presence of the silanisation layer. With 

this regard, APTES has a tendency to form a polymer in the presence of water. This 

thick polymeric layer was formed in solution and then physisorbed to the electrode 

surface hence forming the silanisation layer. However the limiting currents were 

found to be fluctuating upon antibody immobilisation which could be addressed to 

either the instability of the gold surface disc array or the quality of the silanisation 

layer itself (Fig. 6.20).  
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Figure 6.20: Reduction of limiting current for the 10 μm microdisc array upon 

surface functionalization and antibody immobilisation. 

 

The antibody concentration that would be applied for the immobilisation strategy in 

detecting its specific T-2/HT-2 toxin in subsequent study was 0.5 and 0.75 mg mL
-1

 

for the 10 μm microdisc and microband array respectively. The choice of such 

concentration is relevant taking into account the total surface area of the two 

microelectrodes, i.e. 2.537 x 10
-4 

cm
2
 for the 10 μm microdisc array and                           

8.5 x 10
-4

 cm
2 

for the 10 μm microband array. It was suggested that when performing 

concentration determinations of the binding partner, the immobilized molecule 

should be present at high densities so that mass transport effects predominate [86]. 

However, balancing the criteria between electrochemical performance and limitation 

of stock availability, such pre-determined concentrations were employed.  

 

T-2/HT-2 Toxin Calibration Curve 

The set detection limits for T-2/HT-2 toxin were 100 μg kg
-1

 for unprocessed cereals 

and cereal products except 500 μg kg
-1

 for unprocessed oats, 200 μg kg
-1

 for oat 

products and 50 μg kg
-1

 for infant food [35]. In this study, five calibration points 

were taken, i.e. 0, 25. 50, 100 and 250 ppb, as supplied in the Veratox® toxin kit by 

Neogen. The impedance measurements were performed in pure buffer solution as 
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obtained from the Neogen kit. The change in Rct was calculated by the 

difference/shift in resistance readings between the attachment of the antigen (Ab-Ag) 

and the immobilised antibody (n=2 readings).  The r
2
 value for the 10 μm microband 

curve was 0.9847 as determined by the Graphpad Prism “one site -Specific binding” 

curve fitting function software (Fig. 6.21). The analytical limit of quantitation (LOQ) 

was found to be 4.89 ppb.  

 

 

Figure 6.21: Standard curve for T-2/HT-2 toxin detection using the developed 

microband array in buffer solution. r
2
 was found to be 0.9847 as determined from the 

Graphpad Prism software (n=2). 

 

For the 10 μm microdisc array on the other hand, a poor calibration curve was 

established for the T-2/HT-2 toxin detection (Fig. 6.22, inset). This emphasized the 

need of having larger surface area for better antibody immobilisation and its antigen 

binding. Hence 40 μm microdisc array (N=23) was selected for the further 

calibration study. The unmodified 40 μm microdisc arrays were screened and studied 

prior modification. Their experimental current exhibited was 148.9 ± 25.38 nA in 

comparison with the theoretical current of 99.9 nA.  
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As expected, the bigger dimension of surface area displayed better antibody 

immobilisation and antigen binding. The anti-T-2 toxin antibody concentration that 

was used in the array was still maintained at 0.5 mg mL
-1

 considering the fact that its 

surface area is of 2.890e
-4

 cm
2
; which is still in the same vicinity of the 10 μm disc 

surface area (2.537 e
-4

 cm
2
). As shown in Fig. 6.22, the r

2
 value obtained for the  T-

2/HT-2 calibration curve using 40 μm was 0.959. The analytical sensitivity (LOQ) 

for the microdisc was 1.53 ppb.  

 

 

Figure 6.22: Standard curve for T-2/HT-2 toxin detection using the 40 μm microdisc 

array with r
2
 of 0.959 as determined from the Graphpad Prism software (n=2). Inset: 

Toxin calibration curve as obtained from the 10 μm microdisc array. 

 

The results presented here is an initial investigation of a new method in detecting T-

2/HT-2 toxin using labelless impedimetric immunosensor, which to our best 

knowledge, has not been explored yet. The calibration curves established in buffer 

solution show that the microelectrode arrays were sensitive and were able to detect 

levels of T-2/HT-2 toxin as low as 25 ppb (25 μg kg
-1

). The linear range of detection 

for both microelectrode arrays with the selected surface functionalisation method 

was between 0-50 ppb, which is as superior to other reported developed biosensors 

[55] in buffer solution. Although much lower detection limit was also reported 
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(1ppb) [9], the advantages by using the method developed here is that the 

immobilisation procedure is straight-forward without the need to further label either 

the antibody or antigen.  

 

6.5 Conclusion and Suggestions for Future Work 

In this final chapter, we have demonstrated a feasible and suitable surface 

functionalization for antibody immobilisation on silicon-based gold microelectrode 

array in the preliminary development of T-2 toxin immunosensor. We also have 

shown that scattering electrical noise encountered at high frequency when carrying 

out the EIS was attributed to the traces of organic solvent used in the surface 

functionalization rather that the APTES silanisation  itself. The selected surface 

functionalization (APTES with EDC-NHS) is a straight-forward procedure that did 

not require the use of excessive organic solvent. 

Several other supportive studies could be carried out to solidify the development of 

this T-2 toxin immunosensor.  For example, spiking samples with the T-2/HT-2 

toxin, performing recovery tests and interferences study of cross-reaction with 

several other mycotoxins (e.g. Aflatoxins and Ochratoxins) could be done in future. 

In order to establish a calibration curve at lower range, several other points were 

required. This could be achieved by (i) diluting the toxin stock as received from 

Neogen; or (ii) perform the real toxin dilution in buffer solution. The latter, although 

was said to produce more reliable standard curve, however pose a major safety 

concern as the real toxin supplied in powder form which is fatal.  The hindrance that 

we face in this study as well is the type of biosafety cabinet (as well as the suitable 

lab) that may be required to conduct the real toxin study. The impedance devices 

such as the interdigitated electrodes (IDE) that is widely employed in impedimetric 

sensor could also be useful to study since it has been shown that immobilisation of 

biomolecules requires a larger surface in order to maintain its sensitivity  [71].  It is 

deduced that surface functionalization worked best with larger surface area. This is 

reflected by the reliability and better results were achieved on the 10 μm microband 

and 40 μm microdisc electrode arrays in comparison with the 10 μm microdisc array.  
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When undertaking the surface functionalization, we have also learnt that several little 

things may affect the antibody-antigen attachment and could not be neglected. For 

instance, it is very important to have clean glassware, particularly clean microinserts 

that were used to facilitate the surface modification. Secondly, the use autoclaved 

pipette tips are always recommended when dealing with biological 

solutions/samples. Thirdly, the choice of washing solution (e.g. PBS or DW) also 

played an important role in ensuring a clear impedance signal is obtained.   

No stability study was carried out but it was reported that APTES-activated slides 

has shelf life of two months period at RT [83]. We have also decided to forgo the aid 

of Protein A for antibody orientation based on leaching properties and limiting 

resources. Also, given the fact that the array for the band/disc are in micron scale, the 

attachment of both Protein A and antibody are thus constrained with the small 

dimensions. And finally, the more complex an attachment process will make the 

modification process more complicated and lengthy besides wasting valuable 

resources.  
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CHAPTER 7 

CONCLUSION AND SUGGESTION 

_________________________________________ 
 

7.1 Conclusion 

Overall, this thesis study has described the fabrication, characterisation and 

application of the microfabricated microelectrode arrays for T-2 mycotoxin 

immunosensor.  The thesis is divided into two sections where the first sections 

(Chapters 3-4) described the initial fabrication and characterisation of the 

microelectrode array of different geometries, dimensions, substrates and interspacing 

distance. The second part of the thesis (Chapters 5-6) emphasized on the surface 

functionalisation of the microfabricated gold surface area for biomolecule 

immobilisation in life sciences application. The surface functionalisation was first 

studied on a planar macroelectrode before venturing into microelectrode array 

dimensions. 

7.1.1 Fabrication of Microelectrode Array 

The micro- and nanoelectrode array were first fabricated on two different substrates 

(silicon and glass) via microfabrication techniques to produce a single working 

electrode chip. The summary of the fabricated microelectrode array are listed below: 

i) Two different geometries (band and disc) with dimension ranging from 

10 μm, 1 μm and 100 nm. 

ii) Three silicon nitride layer passivation thicknesses (200, 300 and 500 nm). 

However for the glass microelectrode, only 200 nm recess depth was 

selected in the fabrication process. 

Scanning electron microscopy (SEM) revealed that both UV and e-beam lithography 

were successful for the development of silicon-based micro- and nanoelectrode 
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arrays. CV studies shown that all of the silicon-based microdisc and microband array 

of both 10 and 1 μm critical dimensions exhibited good experimental limiting current 

in comparison with the theoretical ones. However, due to the aging and delamination 

factors, the 1 μm microelectrode array’s performance were found sluggish over time 

hence their characterisation through EIS could not be repetitively conducted. The 

100 nm nanoband array on the other hand gave bad experimental currents which 

were one hundred times lower that the theoretical limiting current. Such behaviour 

was indicative of having planar and heavily overlapping diffusion. 

Based on the stability and reproducibility of the 10 μm microelectrode array, this 

dimension was selected for further chemical modification study and subsequent 

fabrication of the on-chip microelectrochemical cell. Although the glass-based 

microelectrode array also exhibited performance comparable with the silicon-based 

ones, nevertheless due to fragility and brittleness of the substrate, the glass substrate 

was omitted for the subsequent studies.   

The second part of Chapter 3 investigated the feasibility of applying electrochemical 

deposition for the surface modification on the 10 μm microelectrode array. With this 

regard, silica film sol-gel and nanoporous gold electrodeposition (NPG) were chosen 

to be performed on the microband and microdisc array respectively. These 

electrodeposition applications on microelectrode array for surface modification have 

not been reported by other researchers to date. In this part, characterisation studies 

consisted of both electrochemical (CV and EIS) and electron microscopy and 

spectral studies (SEM and EDX analysis). The main objective of this study was to 

increase the surface roughness. The silica-film sol-gel electrodeposition was 

achieved via electro-assisted self-assembled (EASA) technique. By adding the 

MPTMS partial self-assembled monolayer step on the gold electrode array and 

constituting the MPTMS in the CTAB:TEOS precursor, better adhesion of sol-gel 

films was obtained. When moving from a planar macroelectrode to a smaller 

recessed array, there were found changes of optimal electrodeposition parameters 

that need to be taken into account. For instance for successful surface modification 

on microelectrode, the current density needs to be increased (from -0.74 mA cm
-2

 to 

-7.4 mA cm
-2

) and ageing at room temperature instead of high temperature in oven is 

preferred. The next chemical modification, the NPG electrodeposition was 
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performed on the 10 μm microdisc array by electrodeposition of Au0.18Ag0.82 

followed by dealloying steps. This direct and simple method provides a higher 

surface roughness with higher current density while maintaining the merit of 

microelectrode behaviour. It was found that film thickness formed via EASA and 

NPG on the gold surface could be tuned by controlling the electrodeposition 

parameters. However, due to limited resources and time-constrain, these optimisation 

studies were not conducted.  

In the following chapter of the fabrication, the development of the on-chip 

microelectrochemical cell was studied. Additionally to microelectrode array 

representing working electrode (WE) the microelectrochemical cell consisted of 

integrated reference electrode (RE) and counter electrode (CE); both were also 

achieved by the means of microfabrication techniques. While the 10 μm critical 

dimension for WE was still retained in this chapter, the interspacing distance (d) was 

varied. It can be concluded that the design and fabrication of the on-cell 

microelectrochemical chip were successful. Both CV and EIS have shown that the 

all on-chip electrochemical cell’s measurement reading was the same as when using 

an external commercial CE and RE. Out of the 12 designs fabricated, only 9 designs 

were found reproducible and stable. The other three electrodes had the recurrence of 

the dead electrodes as well as delamination due to the continuous use in the saline 

buffer. It also could be attributed to the non-uniformity current disctribution across 

the surface. Through this chapter, as agreed theoretically, the interspacing between 

electrodes in an array (d), indeed played a significant role in determining the type of 

diffusion on the electrode. The d of 100 μm was proven to be sufficed in allowing 

individual hemispherical diffusion to take place. The impedance study performed 

correlates well with the limiting current and cyclic voltammetry study, thus 

supporting the diffusion behaviour proposed for the different geometries and 

interspacing distance. At a fixed potential, both resistance and impedance were 

found to be inversely proportional to the electrode area, as given by the Ohm’s law.  
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7.1.2 Surface Functionalisation on Microfabricated Silicon-Based Gold 

Electrode 

The surface functionalisation study was first carried out on a planar macroelectrode 

surface. Electrochemical characterisations attained from this initial stage provided us 

insight on the electrochemical behaviour upon surface modification before 

embarking on the surface functionalisation at microelectrode array surface. The first 

chapter on surface functionalisation (Chapter 5) aimed to investigate the suitable 

surface functionalisation on gold surface for immobilising two biological elements, 

namely Histidine-tagged protein and antibody. The immobilisation of Histidine-

tagged protein was achieved by self-assembled monolayer using 11-MUA followed 

by adaptation of the IMAC technique by using NTA-ligand-metal coordination. The 

success of the surface functionalisation was demonstrated by the fluorescent-tagged 

histidine-tagged protein in the fluorescent study. The application on real histidine-

tagged protein by using PduA shell protein was investigated by both electrochemical 

techiques and AFM characterisation. CV and EIS have indicated the PduA shell 

protein has been successfully immobilised on the gold surface and this was 

supported by the AFM images. The AFM images of the immobilised protein 

correlates well with the adsorbed protein in terms of the diameter and height as 

analysed by particle analysis SPIP software. However poor resolution of the 

immobilised PduA images was obtained which indicated the artefact of the probe 

due to the continuous biological sample scanning.  

The antibody immobilisation was next studied by employing anti-T-2 toxin 

monoclonal antibody model. Unlike the histidine-tagged protein immobilisation, the 

surface functionalisation for antibody immobilisation was mostly achieved by 

silanisation technique. Three surface functionalisation studies included CM-Dextran 

and silanisation using GOPTS-PEG and APTES-PDITC. These three techniques 

were selected due to their widely successful application reported in biosensor for 

antibody immobilisation. It was found that the APTES-PDITC technique showed the 

best immobilisation performance in terms of reproducibility and substantial 

impedance change on a macroelectrode surface. Hence, this particular method was 

selected for further application on the microelectrode array surface for the 
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development of labelless T-2 toxin immunosensor using the microelectrode array 

transducer chip. 

It was found that the surface functionalisation on the recessed microelectrode array 

was indeed an intricate one and differed from the macro counterparts. While 

APTES-PDITC technique suited the macroelectrode, its application on 

microelectrode array has led to the non-uniformity of active layer which affected the 

amount of concentration of anti-T-2 toxin antibody that can be immobilised on the 

surface area. The major concern however was the scattering signal in impedance 

measurement encountered at high frequencies. It was deduced that such noise can be 

attributed to the organic solvent traces that left on the surface of array. Although 

these traces could be removed by vigorously washing the electrode surface, this will 

eventually impair the silanised surface. Considering these facts and revising the 

APTES-PDITC method, several points were revisited. The two major issues were to 

seek new linker instead of PDITC and minimising/eliminating the excessive use of 

organic solvent. With this regard, a direct APTES silanisation method followed by 

EDC-NHS coupling was selected. The pre-treatment of the surface include the 

etching by means of piranha solution. 

By using the APTES-EDC-NHS coupling, better active layer was formed as 

reflected in the reproducibility of results on more than two microelectrode surfaces. 

An excellent calibration anti-T-2 toxin antibody curve was obtained for the 10 μm 

microband array and 0.75 mg mL
-1

 of anti-T-2 toxin antibody concentration, which 

was optimal for the microband. Based on the T-2/HT-2 toxin calibration curve, the 

analytical sensitivity (LOQ) achieved by 10 μm microband was 4.89 ppb. 

The antibody calibration curve for the 10 μm microdisc exhibited a sigmoidal shape 

that indicated saturation of antibody concentration has happened when surpassing 

0.5 mg mL
-1

 anti-T-2 antibody concentration. The optimised concentration for the   

10 μm microband was hence determined at 0.5 mg mL
-1

 but the T-2/HT-2 toxin 

calibration curve was still unacceptable. Thus, a 40 μm microdisc array was used 

instead which exhibited better T-2/HT-2 toxin calibration curve with LOQ of                

1.53 ppb. This indicated and proved that surface functionalisation indeed require a 

larger surface area for better biomolecule attachment and binding process. 
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Throughout Chapter 6 we have proved that labelless detection of T-2 toxin is viable 

through labelless impedimetric approach with simple surface functionalisation. This 

novelty has not yet studied or reported by any researcher to date.  

Overall, from the two big sections, it can be can be concluded that the fabrication 

and application of the nanoelectrode array of 1 μm and 100 nm critical dimensions 

were not attainable in this study. Its reproducibility and continuous usage in saline 

buffer resulted in sluggish performance due to the aging factor and 

delamination/mechanical defects. In terms of surface functionalisation, larger surface 

area was still preferred for better biomolecule immobilisation. When undertaking the 

microelectrode array application, while 10 μm microband array showed an excellent 

result, bigger dimensions (>10 μm) will be needed on the microdisc array. The 

preliminary study of the T-2 toxin labelless immunosensor was found promising. 

 

7.2 Suggestions for Future Work 

In this thesis, we have carried out immense surface modification and 

functionalisation. It is of interest if we could carry out real application of biological 

elements immobilisation on the modified microelectrode array with silica film and 

nanoporous gold in biosensor application. Also, further application on the on-chip 

microelectrochemical cell could be interesting as well. With this regard, several post-

fabrication steps treatment can be carried in order to ensure the stability of the 

Ag/AgCl layer on the on-cell electrochemical chip. 

Regarding the T-2 toxin immunosensor, the study could be consolidated by 

performing spike sample analysis, recovery analysis and cross-reaction interference 

in future.  
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