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Abstract 

The detection of biological molecules is a useful tool for diagnostics, research, and general 

health monitoring. By measuring concentrations of certain key components of biological samples, 

vital information can be gained as to the condition of the entire biological system. Diseases such 

as cancer can be detected by monitoring changes in concentrations of certain biomarkers for 

example. The more accessible and versatile biological sensing becomes, the more good it can do 

for more people. To this end, a biosensor system has been designed with a focus on simplicity, low 

cost, versatility, and accessibility. The system consists of a portable impedance sensor, 

microfabricated interdigitated gold electrodes, and modified gold nanoparticles. 

Detection of biological components using this sensor is based on electrical impedance 

changes in interdigitated electrodes caused by the binding of modified gold nanoparticles to those 

electrodes. Molecular recognition elements, such as antibodies or aptamers, bind specifically to 

target biomolecules and facilitate the binding of nanoparticles which change the measured 

impedance. Because this change does not depend on the biomolecule itself, the system is very 

versatile. 

Several generations of interdigitated electrodes have been made over the course of this 

research. The electrical properties of different designs have been simulated, and processes in 

making electrodes have been refined to create smaller electrodes (reducing cost), with smaller 

dimensions (increasing sensor sensitivity). The newest generation of electrode chips used for 

testing consist of eight gold electrode pairs with interlocking digits on silicon dioxide substrates. 

The surfaces of the electrodes can be modified with molecular recognition elements for detecting 

specific metabolites. 
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Methods have been developed for modifying the surface of the electrode chips with 

molecular recognition elements (such as antibodies) as well as modifying gold nanoparticles with 

similar molecules. Tests have been completed on direct chemical bonding of gold nanoparticles 

onto electrodes and measuring the resulting impedance change. Using antibodies, proteins have 

been detected (using a secondary antibody to bind gold nanoparticles) at concentrations that have 

been found to be relevant for clinical diagnosis. Work is continuing focusing on quantitative 

detection of metabolites and other biomarkers. 

The impedance sensor circuit is an Arduino-based system on a printed circuit board with 

Bluetooth connectivity. The device connects to the sensor electrodes, and is controlled using a 

smartphone app. The app controls the settings for impedance measurement, calculates values and 

interprets incoming data, and displays and saves the resulting data. The circuit is capable of 

measuring impedances over a range of frequencies (1 kHz to1 MHz), and can track changes in 

impedance over time. The results from the circuit are comparable to much larger and more 

expensive systems (within ±2% error). The circuit is handheld and has a total cost (without a 

smartphone) of around $60 (compared to $15000 for more complex tabletop electrochemical 

stations). 
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Chapter 1 : Introduction 

Medical point-of-care (POC) testing is an increasingly popular field of research [1]–[3]. 

Transitioning medical testing out of labs and onto portable devices has numerous potential benefits 

including reduced cost, faster detection times, and increased accessibility to tests [4]. By 

integrating existing medical diagnostic techniques (or new approaches to achieve the same goals) 

into more compact forms and automating testing processes, devices can be created that complete 

complex testing and analysis on biological samples and systems directly at or near patients being 

tested (thus point-of-care testing) [5]. Lab-on-chip technologies, microfluidics, and biosensing 

techniques are all being utilized to this end [6]. 

One widely used example of POC testing technology is glucose sensors. These portable 

biosensors are commonly used by individuals with diabetes to monitor their blood glucose levels 

so they can manage their conditions. Thanks to the POC nature of the device, testing can be done 

quickly and affordably enough to get an accurate accounting of blood glucose levels at a precise 

time, when needed, something that would be impossible if blood samples had to be sent away for 

testing. Testing convenience is not the only advantage of POC devices. The increased affordability 

and portability of such devices make them ideal for deployment in low-resource areas like 

developing countries, and remote locations [3], [4], [7]. Without practical access to large scale 

medical facilities combined with increased disease risks in remote areas, the use of POC devices 

can have a significant impact.  

 

1.1. Biosensors 

Glucose sensors used for monitoring the blood glucose levels of diabetics is a prime 

example of a biosensor. In the most general sense, a biosensor is a device which can measure the 

biological activity or content of a biological organism, or set biological sample. More specifically, 

molecular biosensors can detect the presence of a target biomolecule or species of interest in a 

biological sample. Even for this more specific class of biosensor, the open-ended nature of what 

constitutes a molecular biosensor leads to a multitude of different implementations, each with 
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advantages and disadvantages [8]. The best way to differentiate these different biosensors is by 

characterizing the way they recognize biomolecules, and how they detect and report them.  

1.1.1. Recognition elements 

The recognition element of a biosensor (one of two characteristic components of 

biosensors, the other being the detection element) is the active component which recognizes the 

biomolecule or biomolecules of interest. Non-specific binding involves species in a biological 

sample adhering to a sensing element indiscriminately, then using an external detection technique 

to distinguish what molecules are present. Examples of this type of recognition include mass 

spectroscopy, gas chromatography and infrared spectrum analysis [9]–[11]. While these 

techniques can be very versatile and generally simplify recognition (the only requirement being 

that samples be present on the sensor), detection can be a complicated process involving 

interpretation of results based on properties of the sample (e.g. known IR spectroscopy peaks). 

This process becomes even more difficult for complex samples containing many different 

components. 

The other major form of recognition element employed by biosensors, specific recognition, 

relies on chemical or biological molecular recognition elements (MREs) to bind to or react with a 

specifically intended biomolecule of interest. The above-mentioned example of glucose sensors 

use a catalyst, glucose oxidase, to catalyze a redox reaction with glucose in a blood sample [12]. 

In this way, the detection of glucose is dependent on the recognition element, the catalyst, and that 

recognition allows for detection. Rather than design completely new elements to bind to and 

recognize biomolecules, it is far more common to simply “steal from nature” and utilize existing 

naturally occurring recognition elements in biosensor design. The human immune system already 

has an intricate system for recognizing the presence of biomolecules in the form of antibodies. As 

a function of the immune system, antibodies bind to antigens, marking them for destruction by 

immune cells. Biosensor design can leverage this specific binding mechanism to capture analytes 

in a biological sample. Antibodies can be chemically bound to surfaces on sensing components 

such as electrodes or mass sensing cantilevers [13]–[15] or can be used in solution [16]. This type 

of recognition element isn’t limited to antibodies. Membrane proteins found in bacteria also have 

specific binding properties [17] and single stranded DNA or RNA can be used to detect the 

presence of complementary strands [18]. 
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Besides recognition of existing sequences, DNA and RNA can also be utilized as 

“designer” recognition elements in the form of aptamers. Like other DNA machinery (such as the 

DNA tweezer [19]), the specific function of aptamers is determined by the 3D shape of the DNA, 

which is in turn is determined by the base sequence of the DNA. Given the right conditions, single 

stranded DNA (ssDNA) or RNA (ssRNA) folds in on itself, with its own bases interacting with 

each other, forming base pairs, causing bends, turns and an emergent general 3D structure. For 

aptamers, these structures are refined to a point where the structure forms binding sites which can 

bind strongly and specifically to targets. The designed targets for aptamers can vary widely from 

large organic molecules to small inorganic targets. This versatility makes them ideal for biosensor 

applications for detecting multiple and exotic analytes. In general aptamers are hardier than 

antibodies in terms of temperature and environment [20], [21]. There can be some disadvantages 

with aptamers compared to antibodies too, as they need the proper conditions to form the right 

structure for binding, and they are sensitive to nucleic acid breaking enzymes (especially for RNA 

aptamers) which are readily found in biological fluids [22]. 

1.1.2. Detection Elements 

Once an analyte is recognized through specific binding or a chemical reaction, this 

recognition needs to be detected and reported by the biosensor. There are multiple ways to measure 

the detection endpoint of binding between the analyte and detection element. One significant 

example of this is mass-based detection. This type of detection relies on the added mass of bound 

analytes, causing damping on oscillating quartz [23], or measurable deflections on cantilevers [24], 

[25]. This technique can be very sensitive and only relies on specific binding and analyte mass 

(not other specific chemical or physical properties). However, confounding sources of signal may 

exist in the detection environment and there is added complexity from the need to measure the 

deflections caused by the analytes. Another significant class of detection methods is optical 

detection where the presence of the target biomolecule causes a change that can be detected 

optically. This category encompasses multiple mechanisms, ranging from relatively simple, like 

aggregation of MRE tagged nanoparticles causing a colour change [26]–[28], to more complex 

systems relying on surface enhanced Ramen spectroscopy (SERS) [29], [30]. 

Electrical detection methods are employed by many biosensor designs (including the one 

described here) and they generally offer simple, quick, and accurate detection. Generally, electrical 
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detection relies on sensing changes in the electrical properties of a system caused by the presence 

of a designed biological target. Changes can come in the form of added current from catalyzed 

reactions or redox reactions, or changes in conductivity or capacitance caused by the presence of 

the target or signal enhancing labels. Glucose biosensors for monitoring diabetes use catalyzed 

reactions detected electrically [31], [32]. Ion concentrations in blood or urine along with charged 

molecules can be detected due to their ability to change the conductivity of a fluid [33]. The growth 

and number of cells in a sample can even be determined by their electrical impedance when grown 

on electrodes [34]. 

1.2. The Tricorder Project 

The main drive of the research presented in this thesis is the design and creation of a 

versatile, handheld, impedance-based biosensor system for the detection of metabolites and other 

biomolecules for applications in personal health monitoring, rapid diagnostics by medical 

personnel in off-site locations, environmental monitoring, as well as in many other applications. 

Point-of-care diagnostic devices offer superior accessibility over traditional lab based techniques 

[35], [36]. The genesis of this project was as part of the Metabolomic Tricorder Project 

(www.tricorder.ca); a NINT/University of Alberta project funded by the CRIO program (the 

Collaborative Research and Innovation Opportunities program from Alberta Innovates Health 

Solutions) and comprised of a number of research groups in areas spanning from engineering, 

sciences, physics, computer science, chemistry, organic chemistry, nanofabrication, microfluidics, 

biology, and medicine. Like its Star Trek namesake, one goal of the Metabolomic Tricorder Project 

is to create a portable biosensor system capable of quickly and accurately detecting multiple 

conditions and monitoring general health.  

The way that this proposed system can detect multiple conditions and monitor general 

health is in the “metabolomic” part of the title. Like other “-omics” (genomics, proteomics, etc.) 

metabolomics concerns itself with building a database of biological information to obtain a 

complete phenotypic assessment of an entire biological organism or process. In this case, instead 

of individual genes coding for an entire organism, metabolomics tracks the metabolic products of 

cells and biological processes, called metabolites [37]. And while genes and proteins do determine 

the state of an organism (genes coding for physical traits for example), these are far removed from 

the day to day condition of that organism. Concentrations of metabolites change in response to 

http://www.tricorder.ca/
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environmental stressors and gauge the direct condition and function of the organism in the 

moment. Therefore, information gathered on what metabolites are present and in what 

concentrations can reveal a great deal of information about the current condition of an organism 

or biological system. For example, metabolomics can be used to predict the likelihood of 

developing certain types of cancer [38].  

One challenge in developing a biosensor system to accommodate the detection of a wide 

range of different metabolites is just how radically different each metabolite can be. With genetics 

or proteomics, the building blocks are all generally the same (nucleotides and amino acids, 

respectively), but metabolites run the gamut from small molecules to large complex structures like 

hormones and amino acids. The following table outlines the full list of metabolites originally 

proposed for detection in the Tricorder project along with normal concentration ranges for these 

metabolites in blood and urine. These metabolites vary widely in their sizes, chemical properties 

and natures, and their concentration ranges. The purpose of showing this information is to display 

the necessity for a “universal” biosensor system; a single system that could detect multiple 

metabolites in a single biological sample, despite the different qualities and concentrations of those 

metabolites. One important note is that the goal of the research presented in this thesis is not to 

create a biosensor that detects each of these metabolites, but rather a detection system and 

measurement platform that could. Once a truly versatile system has been developed, it can allow 

for developing tests for these specific metabolites.  

Table 1.1: List of Metabolites to be Detected by the Tricorder Project 

Metabolite 

Normal Concentration in 

Blood  

(µM) 

Normal Concentration in 

Urine  

(µmol/mmol creatinine)1 

Asymmetric Dimethylarginine 

(ADMA) 
0.41 - 0.79 2.50 - 3.34 

Aldosterone 0.000008 - 0.000044 0.006 - 0.014 

Aminoadipic acid 0.0 - 5.0 3.4 - 11.2 

Beta-Hydroxybutyrate 40 - 80 23.6 - 41.0 

                                                 
1 Here, metabolite concentrations in urine are normalized against creatinine. This provides a standard as the 

concentration of urine can vary with hydration.  
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Metabolite 

Normal Concentration in 

Blood  

(µM) 

Normal Concentration in 

Urine  

(µmol/mmol creatinine)1 

Betaine 20.0 - 144.0 6.4 - 92.7 

Billirubin 5.0 - 21.0 0.0019 - 0.21 

Carnosine 5.54 - 7.54 0.8 - 6.2 

Choline 8.7 - 12.5 1.4 - 6.1 

Creatinine 50.0 - 80.0 800 - 1100 

Estradiol 0.0 - 0.00018 (male) 0.00034 - 0.00084 (female) 

Folate 0.011 - 0.036 0.000013 - 0.0026 

Formate 23.9 - 219.5 8.55 - 32.23 

Glucose 4070 - 4810 11.98 - 39.62 

Glutamate 44.0 - 76.0 3.3 - 18.4 

Glutamine 581 - 709 9.0 - 33.0 

Glycerol 34.0 - 52.0 0.12 - 0.73 

Homocysteine 7.0 - 11.0 0.48 - 3.42 

HPHPA (unknown) 0.00 - 90.0 

Indoxylsulfate 9.8 - 18.2 14.48 - 25.0 

Lactate 600 - 2300 0.0 - 0.25 

Leucine 127.0 - 187.0 1.5 - 4.5 

Neopterin 0.0109 - 0.0191 0.13 - 0.29 

Phenylalanine 56.0 - 74.0 2.63 - 6.37 

Pyruvate 38.0 - 88.0 0.54 - 8.67 

Taurine 102.0 - 222.0 21.1 - 105.0 

Testosterone 
0.009 - 0.03472 (male) 

0.00052 - 0.00243 (female) 

0.88 - 1.26 (male) 

0.0000 - 0.0002 (female) 

TMAO 17.4 - 58.2 0.00 - 151.0 

Tyrosine 57.0 - 87.0 4.3 - 13.3 

Uric Acid 242.0 - 362.0 119.0 - 294.0 
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Metabolite 

Normal Concentration in 

Blood  

(µM) 

Normal Concentration in 

Urine  

(µmol/mmol creatinine)1 

Vitamin D 0.063 - 0.221 0 

 

As mentioned previously, the Tricorder project is an interdisciplinary group effort comprised of 

many labs in many fields working together. This collaborative effort includes chemists and 

biologists for modifying metabolites and preparing molecular recognition elements for the sensor, 

as well as engineers and physicists for designing sensors. To accommodate the scope of the project 

and cover the widest range of potential metabolites and applications, several different sensor 

designs are part of this project including SERS based detection methods, mass based detection 

methods and electrical impedance sensor designs. The research described here in this thesis 

involves the design and testing of a portable electrical impedance based biosensor design which is 

one aspect of the Tricorder project.  

1.3.  Biosensor Overview 

 The biosensor system designed through this research is an impedance-based sensor which 

uses interdigitated electrodes and gold nanoparticle signal enhancement. The details of the design 

process, detection principles, and device testing are described in later chapters. Essentially, the 

biosensor is based on measuring changes in the impedance of interdigitated electrodes (IDEs) 

caused by the binding of gold nanoparticles (GNPs) on their surface. 

         

Figure 1.1: Left: The basic structure of the electrodes used in this biosensor design. There are 

two comb-like electrodes which overlap, but do not touch. Right: a zoomed-in 3D visualization 

of adjacent electrode digits (not to scale).    
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The surface of the IDEs is chemically modified with MREs which bind to a biomolecule of interest 

in a biological sample (blood, urine, etc.). This binding facilitates the binding of modified GNPs, 

either through the use of a secondary MRE, or other various methods. The presence of the 

nanoparticles on the surface changes the electrical characteristics of the system. The electrical 

impedance of the electrodes is measured before and after binding. The change in the impedance 

relates directly to the number of bound nanoparticles, which relates directly to the concentration 

of the target biomolecule. The exact detection principle, particulars of electrode design, details on 

chemical modifications, impedance measurements, and testing are described in detail through the 

rest of this thesis. 

1.4.  Non-Faradaic Biosensors 

 The best classification for the designed biosensor is a non-faradaic electrical sensor. 

Electrical biosensors can be generally classified as either faradaic or non-faradaic [39]. Faradaic 

biosensors rely on electrochemical reactions on electrodes to create a detectable signal. There are 

many examples of faradaic sensors that use various reactions [40], [41], or electrochemically active 

redox labels [42]–[45] for detection. Non-faradaic sensors do not rely on electrochemical 

reactions, but rather measure changes in the electrical properties of electrodes based on small-

signal electrochemical measurements caused by interactions with target biomolecules. While 

faradaic sensors can be more sensitive than non-faradaic, they are also more complicated, requiring 

a reference electrode and specific electrochemical reactions [46].  

 To understand the various ways non-faradaic sensors can affect the electrical properties of 

an electrode, an equivalent circuit model of a two-electrode system can be investigated. The 

biosensor designed in this research is also a two-electrode system, but for the sake of simplicity, a 

single pair of electrode digits (two adjacent digits, one from each electrode) will be considered. 
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Figure 1.2: Basic setup of a two-electrode sensor system with the various geometric dimensions 

labeled. This can represent an entire system, or two adjacent digits of an IDE.  

One basic equivalent circuit for such a two-electrode system is shown in Figure 1.3. This 

combination of resistors and capacitors is a representation of both the physical geometry of the 

two electrodes and the result of the buffer solution around it [39], [47]. The top capacitor, Cg, is 

the geometric capacitance of the electrode itself, determined by the dimensions of the electrodes 

(thickness, gap between them, etc.) and the dielectric of the surrounding solution. The two 

capacitances, Cdl, are the double layer capacitances of the two electrodes. Double layer 

capacitances are caused by the charged ions in the buffer solution and the surface charge on the 

electrodes. They interact to form a separated layer of charges that act as capacitors surrounding 

the electrodes (more on double layers in Chapter 3). The final component in this equivalent circuit, 

Rs, is the resistance of the buffer solution between the two electrodes. This obviously changes 

based on the buffer solution, with higher ionic concentrations leading to higher conductivity, and 

a lower resistance. This is also dependant on the space filled by the buffer, so it depends also on 

the length of the electrodes and the size of the gap between them. 

L 

+ - 
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Figure 1.3: Basic equivalent circuit for a two-electrode sensor submerged in a buffer solution. 

This is of course just one of many possible equivalent circuits for this system. More complex 

circuits, which include charge transfer resistances, and Warburg impedances (caused by the 

diffusion of species in the solution) [48], [49] can also be considered. However, these components 

can be ignored for non-faradaic applications as there are no redox reactions or charge transfer to 

the electrodes. One factor that is ignored here but could be present is parasitic impedance. This is 

caused by the resistivity and capacitance of the substrate the electrodes are on. While parasitic 

impedances are not considered in this initial circuit analysis or the electrode simulations presented 

in chapter 3, it is an important aspect to remember for interpreting and explaining measurements 

on actual electrodes and how they differ from the ideal case. 

 From the equivalent circuit, the total impedance of the two-electrode sensor is: 

𝑍𝑡𝑜𝑡 = (𝑅𝑠 +
2

𝑗𝜔𝐶𝑑𝑙
) ∥

1

𝑗𝜔𝐶𝑔
        (1.1) 

In this equation, in addition to the previously defined parameters in the equivalent circuit, 𝑍𝑡𝑜𝑡 is 

the total electrical impedance, ω is the angular frequency, and j is the imaginary number. This 

impedance leads to the general frequency response shown in Figure 1.4, with three distinct areas 

of impedance magnitude and a parabolic phase. The three sections are divided by two cut off 

frequencies, fL and fH. The first section, between 0 Hz and fL, has linearly decreasing impedance 

magnitude. This section is dominated by the double layer capacitance around the electrodes [39]. 

The lower cut off frequency is defined by: 
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𝑓𝐿 =
1

𝜋𝑅𝑠𝐶𝑑𝑙
           (1.2) 

The second section, between fL and fH, is dominated by the resistance of the solution, RS, and thus 

is constant and not frequency dependant, leading to a flat section in the impedance magnitude 

graph. The peak of the phase is also in this frequency range. The third section, defined by 

frequencies above fH, is dominated by the geometric capacitance of the electrodes. The higher cut 

off frequency is defined by:  

𝑓𝐻 =
1

2𝜋𝑅𝑠𝐶𝑔
          (1.3) 
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Figure 1.4: General impedance magnitude and phase shapes for the two-electrode sensor 

equivalent circuit. 

 The main principle behind any non-faradaic sensor is to manipulate or modify one of these 

aspects of the equivalent circuit. Depending on the part being modified, the resulting change in 

impedance will reflect the modified section, resulting in a change in the corresponding frequency 

section. Some sensor designs bind analytes directly to the electrode surfaces, and the interaction 

of the bound molecules on the electrode surface disrupts and changes the capacitance of the double 

layer [50]. Other systems, such as ones which detect attached cells or bacteria [51], bind targets 

between electrodes, and depending on the properties of the targets, change either the resistivity 

between the electrodes, or the dielectric properties between electrodes, changing the geometric 
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capacitance. Therefore, depending on the detection method used, one or more of the three 

frequency regions of the impedance can be changed. 

1.5.  Biosensor Detection Using GNPs. 

 As stated previously, the biosensor designed in this thesis is non-faradaic and uses bound 

GNPs to affect the impedance of the electrodes to cause measurable detection. However, there is 

more than one way to accomplish this. During the course of this research, two primary methods 

were investigated: one with GNPs bound directly to the electrode digits, and the other with GNPs 

bound to the gaps between electrode digits. 

1.5.1. GNPs Bound to Electrode Digits 

 The first method investigated for detection was binding GNPs directly onto the electrode 

digits. With this method, the metal surfaces of the electrode digits are modified with MREs to bind 

target biomolecules and GNPs for detection amplification.  

 

Figure 1.5: Electrode layout and new equivalent circuit with GNPs bound to the electrode digits. 

 

With this method, the primary effect caused by the GNPs is to the double layer capacitance. GNPs 

bound to the electrode digits disrupts the formation of the double layer around the electrodes, thus 

changing the double layer capacitance.   
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1.5.2. GNPs Bound Between Electrode Digits 

 The second method that was investigated was binding GNPs directly between electrode 

digits, with molecular recognition elements (MREs) bound to the silicon dioxide substrate. In this 

case, the GNPs affect the impedance between electrode digits, introducing their own resistivity 

and double layer capacitances to the gaps [52] (labeled Z in Figure 1.6).  

 

Figure 1.6: Electrode layout and new equivalent circuit with GNPs bound between electrode digits. 

1.6.  Goals 

The primary goal of this thesis research is to create a versatile, portable, inexpensive, easy-to-

use, biosensor platform for detecting multiple biomarkers and metabolites. At the outset of the 

project, the initial goal was to create a portable system that could measure a combination of the 

metabolites shown in Table 1.1. Since then the scope of the research in some ways narrowed and 

widened in other ways. The specific goal became focused not on detecting specific metabolites or 

biomarkers, but rather developing the techniques and tools to do so in an inexpensive, portable 

system for a much wider array of applications than just metabolite sensing. This understandably 

involves research and experimentation crossing many different disciplines including chemistry, 

biochemistry, microfabrication and design, and circuit design among others. 

More specifically, the goals for this research include: proving the detection concept, designing 

interdigitated electrodes for the system, developing and refining surface modification for the 

electrodes and signal enhancing nanoparticles, binding gold nanoparticles to electrodes and 
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measuring the resulting change in electrical impedance, and developing sensor hardware including 

impedance measuring circuitry.  

 

 

Figure 1.7: General overview of the entire biosensor system. The handheld impedance sensing 

device monitors the electrical impedance of gold interdigitated electrodes on the electrode chip 

(top right). The results are sent via Bluetooth to a smartphone app (top left).  
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1.7. Thesis Outline 

This thesis is organized in such a way as to show the design process in creating this biosensor 

device, from its conceptual origins, to designing the various necessary components to bringing 

these all together in a single device, and the many iterations of these along the way. An overview 

of the different components of this device (and subsequently the research that designed it) is shown 

in Figure 1.7. Chapter 2 describes original basis for the overall design, early proof-of-concept 

results and simulations, and the overall design strategy employed for the biosensor system. Chapter 

3 covers the design of the electrodes used with the biosensor. This includes the rationale behind 

the various designs, simulations used to determine optimal electrode parameters, and the 

fabrication processes. Chapter 4 delves into the chemistry involved in the biosensor design. This 

includes the gold nanoparticles used, chemical modifications to nanoparticles and molecular 

recognition elements, and modifying and binding elements to the biosensor electrodes. Chapter 5 

outlines the actual device and circuitry design, from early concept stages to an inexpensive, 

handheld circuit board for measuring electrode impedance. Finally, Chapter 6 covers ongoing and 

future work, including fluidics for transporting biofluids and buffers over the electrodes for 

measurements, and ongoing testing for multiple applications. 
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Chapter 2 : Proof of Concept 
2.1.  Introduction 

With the goal established by the Tricorder project of making a portable, inexpensive 

biosensor for detecting multiple metabolites, the first step was to decide on the detection approach. 

While optical approaches, such as surface plasmon resonance (SPR) for detection, can be effective 

and accurate, they also involve large and expensive equipment for detection. Instead, an 

impedance-based approach was chosen as the components required can be made relatively 

inexpensively and compactly. Even narrowing down this design decision, there are still many 

different approaches to take with impedance-based detection. These range from basic capacitive 

measurements [53], [54] and changes in conductivity with basic electrodes [55], all the way up to 

more complex systems with multi-probe electrodes [56] and involved data processing of ranges of 

electrochemical impedance spectroscopy (EIS) data [57]. 

Inspiration for the way to approach impedance-based detection with this design came in the 

form of the RT-CES cell counting system (made by ACEA Biosciences Inc. San Diego, US), also 

known as the “Real Time Cell Electric Sensing system”. This device monitors the growth of cells 

as they are cultured on specially designed electrodes. These electrodes are essentially interdigitated 

capacitors made of gold patterned on glass. When an AC voltage is applied to the electrodes, an 

electric field forms between adjacent digits (as it should in any capacitor) and the resulting 

impedance is measured based on the capacitance and conductivity of the space between the digits. 

As cells grow on the electrodes, they disrupt the electric field between the electrode digits, 

changing the measured electrical impedance. More cells equates to a larger change in impedance, 

so by measuring the impedance over time, the number of cells can be tracked. The design of the 

metabolomics biosensor borrowed this same concept. If disruptions of the electric field in 

interdigitated electrodes caused by cells can result in a measurable impedance change, then 

perhaps the same could be true for metabolites bound to the surface using molecular recognition 

elements. The first big challenge with doing this is metabolites are not cells. They are significantly 

smaller. They do not naturally stick to surfaces. They do not significantly disrupt electric fields. 

These disparities have to be addressed in order to implement this application to a metabolomic 

biosensor. 
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Figure 2.1: a) and b) The 16 well e-plate that is used with the RT-CES device. Each well contains 

a gold interdigitated electrode specially treated for cell growth. c) The RT-CES device itself. It is 

a tabletop device with a separate unit for the e-plate (which can be put in an incubator for cell 

growth). The separate unit (labeled “electrode connector”) connects to the e-plate to measure each 

electrode’s impedance. An external laptop is used to control the system and to record 

measurements. 

Firstly, to detect metabolites there needs to be a way for the metabolites to interact with 

the sensor electrodes. Unlike cells which can grow and naturally stick to the electrode surface, 

methods needed to be designed to attach metabolites to electrodes. Additionally, it is not enough 

to just make the electrodes “sticky”, but rather there needs to be specific binding that captures only 

the target metabolite in the tested sample while leaving out other components. There are several 

well established ways to accomplish this. The term “molecular recognition element” (MRE) refers 

to elements which bind to specific molecules. They can be incredibly diverse and can include 

single-stranded DNA made to bind to their complement [18], to more complex structures like 

binding proteins, which facilitate transport of molecules in cells [17], to antibodies which bind to 

specific antigens as part of the immune system [13], to aptamers which are specifically designed 

to bind to particular molecules [21], [58], [59]. All of these could potentially be used to bind 

metabolites, given that an MRE which binds that specific metabolite can be found or made. 

Just because specific, targeted biomolecules can be bound to the RT-CES electrodes, it 

does not necessarily mean that the system can detect them. As an impedance-based measuring 
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system, any change to the electrode surface must cause a change in the impedance of the electrode 

that is significant enough to be measured. There are several factors which can influence this. First, 

the impedance measurement equipment itself must be sensitive enough to detect small enough 

changes in electrical impedance, as well as measure impedance at the optimal electrical frequency 

or frequencies, which can vary depending on the electrodes and type of detection [57], [60]. 

Second, the electrode dimensions can have a major impact on their sensitivity and suitability for 

detecting bound materials. Third, the nature of the bound material, which would include anything 

that would influence the impedance (or electric field) of the electrodes. This can include the size 

of the bound material and the electrical properties like conductivity, capacitance, or charge. In the 

case of the RT-CES setup that was used for proof-of-concept testing, most of these factors were 

fixed. The measurement equipment is very much a “black box”, with set measurement ranges, 

input frequencies, and even proprietary output units, which perform post-processing on measured 

impedance to reflect cell growth, with no access to raw measured impedance values. While, at this 

early stage, these factors were out of direct control, what could be controlled is what was bound to 

the electrodes. Obviously, this system was designed with measuring cell growth in mind, and also 

obviously, cells are much larger, and therefore have a much large impact on an electrode’s 

impedance, than biomolecules. However, in addition to bound biomolecules, a setup could be 

designed to additionally bind signal enhancing materials along with the biomolecules which would 

have a much larger impact on the impedance of the electrodes. In this case, signal enhancing gold 

nanoparticles were chosen that could bind to the electrodes along with the target biomolecules. 

Gold nanoparticles are widely used in biomedical applications and research [26], [61]–[69]. They 

are favored for their stability, low reactivity, biocompatibility [70], and the many options available 

for modification [69]. Gold easily makes strong thiol bonds, meaning that thiol-linkers and thiol-

modified tags, like MREs or biomolecules, can be covalently attached to gold nanoparticles [69], 

[71], [72].  

2.2.  Proof-of-Concept Experiments with the RT-CES Cell Counting System 

2.2.1. DNA Bound Gold Nanoparticles 

The RT-CES cell counting system was used for proof-of-concept experiments to test the 

viability of detecting the presence of gold nanoparticles, and, more importantly, small 

biomolecules on IDEs using electrical impedance measurements. In the first experiment, gold 
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nanoparticles were bound to the gold digits of the RT-CES electrode. This was accomplished using 

short complementary strands of DNA. Thiol-modified single stranded DNA (ssDNA) was 

purchased from Integrated DNA Technologies (www.idtdna.com): 

Poly T: 5´ Thiol-CCCCCCCCCCTTTTTTTTTTTTTTTTTTTT 3´ 

Poly A: 5´Thiol-CCCCCCCCCCCCCCCCCCCCCCCCCAAAAAAAAAAAAAAAAAAAA 3´ 

The first strand, named “Poly T” for its long sequence of thymine bases, has a thiol modifier at it 

5’ end, and a string of cysteine bases that act as a neutral spacer. “Poly A” is similar, but with a 

longer cysteine spacer and a chain of adenine. Thiol groups (HS-) contain sulfur, which readily 

bonds to gold, forming a thiol bond (Au-S-DNA) [69]. Taking advantage of this, DNA with 

attached thiol groups can easily be attached to the gold surfaces of the electrode, or to gold 

nanoparticles (for more information on this, refer to Chapter 4). For this experiment, Poly T strands 

were attached to the gold digits of the RT-CES electrodes, using tris(2-carboxyethyl)phosphine 

(TCEP), a reducing agent, to reduce the thiol group on the DNA to allow for the gold-sulfur bond 

to form. Next, 30 nm diameter gold nanoparticles (GNPs), purchased from Cytodiagnositcs 

(www.cytodiagnostics.com), were modified using the Poly A strands and stabilized with 

polyethylene glycol (PEG). The GNPs were citrate stabilized initially, suspended in a sodium 

citrate solution to keep GNPs from aggregating. However, the high ion content of this buffer 

interferes with impedance measurements, so it had to be removed and replaced with another buffer 

for measurements. PEG is a long polymer chain which surrounds nanoparticles and prevents them 

from aggregating together in solution. To create modified nanoparticles, an excess of Poly A, PEG, 

and TCEP were added to GNPs in solution. Like the electrode surface, the TCEP reduced the thiol 

modifier on the DNA (and the PEG) to facilitate binding with the gold of the nanoparticles. After 

binding, the excess unbound DNA and the citrate buffer were removed using centrifugation. The 

fully modified nanoparticles were resuspended in pH 8.0 phosphate buffered saline (PBS) for 

measurements using the RT-CES system. 

http://www.idtdna.com/
http://www.cytodiagnostics.com/


20 

 

 

Figure 2.2: Experimental setup of the initial DNA binding experiment. DNA modified gold 

nanoparticles are attached via short complementary single stranded DNA onto interdigitated 

electrodes. The electrical impedance of the electrodes was measured using the RT-CES system 

before and after the addition of gold nanoparticles. A surface charge is added to nanoparticles to 

enhance detection. 

Impedance measurements were taken using the RT-CES system by first measuring the 

impedance of DNA modified electrodes in PBS buffer (the same buffer the nanoparticles were 

suspended in) to establish a baseline value. Once this baseline was established, different 

concentrations of modified GNPs were added to the electrodes as the impedance was monitored 

by the system. Measurements were taken continuously until the new measurements stabilized. The 

solution on the electrodes was then removed to remove any unbound nanoparticles, and clean PBS 

buffer was added in its place. Measurements were taken again until stable and the final value was 

compared to the baseline for a relative impedance measurement.  
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Figure 2.3: Results of the initial DNA-GNP RT-CES proof-of-concept experiment. Here the 

“relative impedance” refers to the calculated relative impedance reading from a change of the 

electrode modified with DNA without GNPs added and with GNPs. Here, “cell index” are the 

units given by the RT-CES system. This is a relative measure of impedance is normally used for 

cell counting (thus the name cell index), but is used here for GNP detection.  As the amount of 

GNPs increases, there is a greater decrease in the relative impedance. 

 

The results of this initial experiment show that there is not only a measurable change in 

impedance caused by bound gold nanoparticles on the interdigitated electrodes, but that the 

detection can also be quantitatively modeled. This means that the change in impedance measured 

by the RT-CES system is greater if more GNPs are present, which in an actual biosensor 

application would correlate to a larger number of analytes in a sample. (Note: these results, shown 

in Figure 2.3 are from very early proof of concept experiments performed in the lab, thus there is 

no available data for statistical analysis for this result) 

2.2.2. Metabolite Assays 

 With this initial success as a basic proof-of-concept for the impedance-based biosensor 

design, the next experiments with the RT-CES system were designed to test for detection of certain 

metabolites. For these initial proof-of concept experiments, two representative metabolites were 

chosen: cysteine and tetrahydrofolic acid (THF). While these metabolites are not on the established 

CRIO program list (Table 1.1), they exhibit structural similarities to many of them with cysteine 
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being an amino acid and THF a small biomolecule. These metabolites also have well established 

and stable molecular recognition elements (MREs) in the form of a common antibody that binds 

to cysteine and a DNA aptamer that binds to THF [73]. 

 The basis of detection with this system, regardless of metabolite, is in the change in 

impedance caused by adding or removing gold nanoparticles from the electrodes. Therefore, there 

are many possible ways that metabolite detection can be done. For these proof-of-concept 

experiments, competitive assays were chosen as the best method for detecting metabolites. In a 

competitive assay, simply put, metabolites and modified GNPs actively compete for available 

binding sites. Nanoparticles are modified by directly attaching metabolites, which in turn can bind 

with the MREs bound to the electrode. However, due to the (relatively) large bound nanoparticle, 

the binding between the attached metabolite and MRE is weakened. Therefore, free metabolites 

have a higher binding affinity for the MRE than the bound metabolites and free metabolites can 

“outcompete” and displace the nanoparticles from the electrode, thus changing the impedance. 

(more information on the binding chemistry can be found in Chapter 4) 

 

Figure 2.4: The basic concept behind competitive assays. a) Initially, copies of the target 

biomolecule which are attached to gold nanoparticles bind to recognition elements on the sensor 

surface. b) When free copies of the target biomolecule are present (i.e. from a tested sample) they 

have a higher binding affinity than those bound to the gold nanoparticles. c) The gold 

nanoparticle/biomolecule probes are removed in favor of the free biomolecules and the absence of 

the nanoparticles causes a detectible change in the measured electrical impedance. 
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 The cysteine detection competitive assay was carried out by first modifying the gold 

electrodes with thiol-modified PEG, then attaching cysteine antibodies to the –COOH group on 

the end of the attached PEG. These antibodies bind strongly and specifically to cysteine. As a 

baseline an impedance reading of the antibody-modified electrode was taken (“control” in Figure 

2.6). Next, cysteine modified GNPs were added to electrodes followed by a buffer wash to remove 

GNPs not bound to antibodies, and a second impedance measurement was taken (in a much similar 

way to the previous proof-of-concept experiment). Finally, a pure sample of cysteine 

(approximately 1nM solution) was added to the electrodes and allowed to replace the nanoparticles 

and the electrodes were washed a final time to remove unbound nanoparticles before a final 

impedance measurement. 

 

Figure 2.5: Experiment overview for detecting cystine.  First gold on IDEs is modified with -

COOH functional groups using thiol binding. Next, a periplasmic binding protein that acts as an 

MRE for cystine is bound to the modified electrodes. Impedance measurements were taken at this 

step for the “control” measurement. GNPs bound to cystine were then added (which should bind 

to the MREs) and measurements were taken again. Finally free cystine was added to “knock out” 

the GNPs and a final measurement was taken.   
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Figure 2.6: RT-CES results for detecting cystine. “Control” refers to measurements after the 

electrodes were modified with antibodies. “Protein-GNP/cystine” refers to measurements after the 

addition of GNPs modified with cystine. “Protein-GNP/cystine-cystine” refers to the last step 

where pure, free cystine is added. 

The results of this experiment are shown in Figure 2.6. As with the first proof-of-concept 

experiment, there was a statistically significant decrease in relative impedance for the electrode 

with bound nanoparticles compared to without nanoparticles, showing that the cysteine modified 

nanoparticles did bind to the antibodies on the electrode surface. When the free cysteine was added, 

the average relative impedance increased again, however the larger variation in both this and the 

previous measurement means there is no statistical change in this case. Meaning that more 

sensitivity and better repeatability are required for competitive assay detection. 

 For the second metabolite, THF, the experiment was mostly the same as for cysteine, with 

a few key differences. First, instead of an antibody MRE, a THF DNA aptamer was used. Aptamers 

are generally much smaller than antibodies and much more robust, and can have comparable 

selectivity and sensitivity [21], [74]. The other main difference is that several different control 

cases were tested, including an alternate metabolite to test for binding specificity, an important 

factor for testing complex biological samples.  

 Modifying the electrode surface with the THF aptamer was accomplished by taking 

advantage of the DNA structure of the aptamer. Since the aptamer is simply a specific sequence 

of single stranded DNA (which due to self-folding forms the 3D structure required for metabolite 

binding), it was a simple process to acquire that aptamer sequence with a specific binding sequence 

on one end. This DNA “tail” was designed to have no effect on the aptamer itself, but it could bind 
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to a linking strand of thiol-DNA attached to the electrode, in much the same way DNA-modified 

nanoparticles were attached to the electrodes in the first proof-of-concept experiment. Once the 

aptamer was bound to the electrode, this experiment proceeded in much the same way as the 

previous one. Here, THF-modified nanoparticles were used and were displaced by free THF. In 

addition to these nanoparticles, GNPs modified with taurine (another metabolite), were also added 

to THF/aptamer-modified electrodes as a control. As an additional control, impedance was 

measured with the linker and THF-modified GNPs, but without the THF aptamer to confirm 

aptamer binding.2  

 

Figure 2.7: The different cases measured for the THF aptamer experiment. a) The electrode with 

the DNA linker only. b) The electrode with the linker and THF aptamer. c) The electrode modified 

with THF aptamers with THF-modified nanoparticles. d) Control case without THF aptamers. e) 

Control case with taurine-modified nanoparticles instead of THF nanoparticles. Each case other 

than case C should not have any bound GNPs ant thus should have no impedance change. 

 

                                                 
2 I would very much like to thank and acknowledge Xiaoyan Yang and Yollanda Hao for their 

work with these proof-of-concept experiments. They started testing with the RT-CES system 

before I joined the project and were responsible for most of the chemistry for the proof-of-

concept testing. 
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Figure 2.8: Relative impedance measurements from the RT-CES system for the THF aptamer 

experiment. The different cases correspond to those in Figure 2.7. The “*” above the Group C 

results denote that that is the one case where there should be bound gold nanoparticles, and thus a 

change in impedance, which there was. There is no statistical difference between Groups A, B, D, 

and E, each being negative control cases. 

 

 The results of this experiment show again that gold nanoparticles bound to the RT-CES 

electrodes cause a measurable change in impedance. Additionally, this experiment shows that the 

THF aptamer is effective at binding THF-modified nanoparticles (as shown by group C and D), 

and binding them specifically (shown by group E). The similar metabolite, taurine, on 

nanoparticles did not change the impedance, indicating that the THF aptamer did not bind the 

nanoparticles. The only statistical difference in impedance is with Group C, the only case where 

GNPs should be bound to the electrodes. In this experiment, the “relative impedance” is a 

reflection of a change in the “cell index” measured by the RT-CES. This value is a proprietary 

measurement used by the system, and is directly related to changes in impedance. 
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2.2.3. RT-CES Experiment Discussion 

 It is clear from the proof-of-concept experiments that the RT-CES, a system designed for 

detecting cell growth, is capable of also detecting metabolites using gold nanoparticles for signal 

enhancement. Indeed, this system was invaluable in laying the groundwork for an impedance-

based biosensor. However, the RT-CES has many shortcomings in this regard as well, making it 

well suited for these early stage tests, but not much else when it comes to this type of biosensor 

application. First and most obvious is the size of the system. The guidelines outlined in the CRIO 

project are for a biosensor that is portable and affordable, the RT-CES is neither. The system itself 

is a large box controlled by a separate laptop computer, with a total cost of well over $10000, not 

including the cost of the gold electrodes it uses [75]. The goal for this project is to create a handheld 

device with an approximate cost on the order of $500, or lower. The second major problem with 

using the RT-CES for these applications is that the system is very much a “black box”. That is, 

there is very little room for customizing the system. The electrodes used for the system are all the 

same. Other than the amount of time something is measured for, there is no real way to change 

how the system measures samples (input voltage, frequency etc.). The results it produces are all in 

terms of a value called “cell index”, which is a function of changes in impedance the system 

measures. This is why the results shown for the experiments done with the RT-CES are in terms 

of relative changes in impedance based on a baseline value. There is no way to extract the actual 

raw impedance values from the system, or even exactly how it measures these values. For these 

reasons, while the RT-CES is very well suited for its original purpose of monitoring cell growth, 

and was useful in proof-of-concept experiments, it is definitely not well suited as an impedance 

based biosensor, and therefore a new, better suited device must be designed.  

2.3.  LCR Meter Experiments 

 In order to have more control over measurement parameters for early stage testing an LCR 

meter (the U1733C from Aglient Technologies) was purchased. This LCR meter is capable of 

making precise impedance measurements over a wide range and is capable of taking measurements 

at multiple discrete frequencies (ranging from DC to 100 kHz). These features make this meter, 

although not as robust as more sophisticated systems, useful for early testing and refinement.  
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Figure 2.9: The LCR meter used for early experiments. The U1733C LCR meter from Aglient 

Technologies was used to measure the impedances of IDEs. The LCR measures impedance 

magnitude and phase (as well as resistances, capacitances, and inductances) at several set 

frequencies. While the RT-CES does automatically measure impedance over a range of 

frequencies, the LCR offers more control over the measurements; it displays exact impedance 

information rather than just a relative value (the RT-CES “cell index” measurement. 

 

The LCR meter presented the opportunity to better characterize the impedance of the RT-

CES electrodes, measuring their impedance at different frequencies, in different buffers, and 

recording actual impedance magnitudes and phases. Using the LCR also meant that completely 

different electrodes could be tested. The electrodes for the RT-CES are designed for the sole 

purpose of growing and detecting cells, with materials and dimensions suited specifically for this 

end. As a first alternative to the RT-CES electrodes, individual interdigitated gold electrodes 

(purchased from BVT Biosciences) were tested. Originally made for measuring conductivity of 

solutions, these electrodes have much wider electrode digits and gap spacing than the RT-CES 

IDEs, and also therefore less digit pairs. They are thick film printed gold electrodes printed on a 

water-safe paper substrate. One main advantage of these for testing is that the gold and substrate 

for the electrodes are bare, unlike the RT-CES electrodes which are specially treated so cells will 

adhere to them while growing. 
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Figure 2.10: A comparison between the IDEs from the RT-CES e-plate (a) and the BVT 

conductivity sensor (b). While the size of the sample wells is about the same for both, the 

dimensions of the electrodes are clearly quite different. The e-plate electrodes (a) have much 

smaller dimensions (not even visible in this picture) and more gold coverage. The individual gold 

digits are visible on the BVT electrode (b). 

 

With greater freedom with what to measure, as well as new different electrodes to test, the 

same proof-of-concept DNA GNP binding experiments were done again. With the LCR meter, 

greater insight could be extracted as to the exact impedance values that change due to bound GNPs, 

the exact sensitivity of the electrodes to bound GNPs, and the most effective frequencies for the 

sensor to test. 

In addition to basic measurement and characterization of electrodes with the LCR meter, 

the same Poly A/Poly T experiments that were carried out with the RT-CES were done with the 

LCR meter. For these experiments, first the nanoparticle probes were synthesized (as described 

previously) and the thiol-modified Poly T DNA strands were attached to the gold electrodes. After 

the Poly T was given time to attach, the excess solution is removed from the electrodes and some 

of the prepared nanoparticle probes were added. A number of control electrodes were also tested, 

usually either without the attached Poly T strands or without adding nanoparticle probes. Thus the 

control samples should not have any bound nanoparticles. 

After the excess nanoparticles were removed, a PBS buffer with a pH of 8.0 was used to 

add a charge to the PEG on the modified nanoparticles; however, the conductivity of this buffer is 

so high that it overwhelms any change due to the nanoparticles. To remove this effect, the 

IDE 
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electrodes are washed with water (usually twice) so that a difference can be seen between the tested 

electrodes and the controls. Measurements were taken on the single BVT electrodes, with each test 

repeated in triplicate. Impedance values were taken at a single 10 kHz frequency and results were 

normalized to show differences in the results. Other frequencies used by the LCR meter were 

investigated, with some similar behaviour to the results shown in Figure 2.11, but the best results 

were at this frequency. The effects of measurements at a range of frequencies are investigated in 

future chapters. 

 

Figure 2.11: LCR experiment with BVT conductivity sensors used along with 30nm gold 

nanoparticle probes. Measurements were taken at 10 kHz input frequency. The blue line “test ave” 

is the average of three tested sensors whereas “A ave” and “T ave” are two different control cases. 

Point 1 is an initial measurement with the nanoparticle probes in the sensor wells, 2 is when pH 

8.0 PBS is added, and 3 and 4 are subsequent washes with distilled water. Here it is shown that 

there is no significant difference until the second wash due to the PBS overwhelming the 

measurement. Here, impedance data is represented by a relative impedance, normalizing all values 

to the initial value of “T ave”. 

 As with the RT-CES there is a measurable change in impedance for bound nanoparticles 

compared to the control cases. This shows that the much larger BVT electrodes can be used for 

this application, and the much less expensive LCR meter is capable of measuring these changes 

(this time with known set input frequencies and actual impedance values). However, there are 
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definitely still many issues with this approach. The high pH PBS buffer used contains a high 

concentration of mobile ions, leading to high conductivity overshadowing any effects of the 

nanoparticles, thus requiring several washes with pure water to remove the effect of the buffer. 

This is a fickle process. Excessive washing removes the effect entirely, while washing 

inconsistently causes inconsistent results. Although this experiment does show results and is an 

effective proof-of-concept, refinement is required for a functional device.  

A separate mechanism for detection is that the presence of the gold nanoparticles 

themselves is able to sufficiently increase the conductivity of the sensor for detection. Instead of 

adding a high pH buffer, a low ion concentration neutral background buffer is used for 

measurements after nanoparticle probe attachment. A low ion concentration buffer is used rather 

than distilled water because it is necessary to facilitate some charge transfer for these conductivity 

measurements and for there to be enough electrical screening (more on electrical screening and its 

effects on the sensor in Chapter 3). 

 

 

Figure 2.12: Results of impedance measurements with a low concentration salt solution buffer. 

The two “Test” bars refer to the full sensor experiment with DNA attached to the electrodes and 

the nanoparticle probes. “Control T” are sensors with DNA attached to the electrodes, but without 

nanoparticle probes. “Control A” are sensors with nanoparticle probes, but without electrode 

bound DNA. Measurements were taken in a low ion concentration neutral pH buffer (150 µM 
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KCL) with 60nm gold nanoparticle probes used and an input frequency of 10 kHz from the LCR 

meter. Measurements were taken on RT-CES electrodes. 

 

Both of these procedures have yielded insightful results to some degree during 

experiments. Overall, the results from the low concentration buffer are more consistent than the 

high pH method due to the fewer washing steps involved. The fact that both of these techniques 

produced similar results suggests that the prevalent mechanism for impedance change is the gold 

nanoparticles themselves and not a fixed charge on them. 

2.4.  Influences 

 A variety of different biosensor designs has been discussed in the previous chapter, with 

different ways to detect and report biomolecules depending on the specific application, and one of 

these ways being interdigitated electrode impedance-based electrical detection. But even within 

this subsection of a subsection of biosensor design, there are still many variations on this one 

theme. By investigating the reasoning behind these variations in designs, it was then possible to 

get a better picture of how to best improve my own design. There is no one single best design for 

all purposes and applications. There are designs for highly sensitive detection of very specific 

molecules, and designs for rough estimates of large cells (like the RT-CES). But an understanding 

of the underlining mechanisms, similarities, and differences between designs can lead to better 

insight into my own design. 

 The monitoring of cellular growth is a popular application of IDE sensors. Systems like 

the RT-CES are made specifically for that purpose. Researchers such as Ehret et al. [76], [77] and 

Radke et al. [51] have studied the design, mechanism, and optimization of these types of sensors. 

They use equivalent circuits to model the electrodes, surrounding buffer fluid and attached cells 

[51], [76].  

 There are multiple valid equivalent circuits, but all account for the capacitance of the 

interdigitated electrode (which is itself just a capacitor), the resistance of the surrounding solution, 

and the electrical impedance of attached cells, usually including capacitances from cell membranes 

and resistances from the cells themselves [51], [76]. Using these circuits, the impedance of the 

system can be simulated, which further informs the design and the expected values that need to be 
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measured for an effective sensor. While my own sensor design is not for measuring cells, the same 

equivalent circuit technique can be applied, replacing the cells with signal enhancing gold 

nanoparticles (more on this in Chapter 3). In addition to equivalent circuit models, Radke et al. 

also simulates the electric field surrounding IDEs in a buffer solution [51]. The purpose of this is 

to show the electrical screening around the electrodes. Briefly, free charges form the ions in the 

buffer solution neutralize and screen out the electric field above the IDE. Depending on the applied 

voltage and the buffer, this screening limits the electric field to a small area above the electrodes 

and thus disruptions to this electric field caused by bound cells can have a greater effect [51] (for 

a more detailed description of electric screening see Chapter 3).  

 It’s not just cells that are detected with IDE sensors. Designs have been proposed by groups 

for detecting small molecules such as toxins, biomolecules, and DNA [63], [78]–[80]. Detecting 

such small molecules can provide new challenges not present when detecting large cells which 

easily disrupt the electric field around electrodes. Smaller analytes in small concentrations have 

smaller impacts on electrical impedance. This is something that has to be considered and accounted 

for in such designs, including my own. There are three main ways IDE sensor designs can adapt 

to detecting small molecules: more sensitive and detailed measurements, more sophisticated 

electrode design, and signal enhancing tags.  

 The changes in impedance caused when detecting smaller analytes can be small and subtle. 

To see these changes, it is often necessary to use more sophisticated impedance detection. Rather 

than simple impedance measurements, techniques like electrochemical impedance spectroscopy 

(EIS) are used to analyse electrodes’ impedance, both real and imaginary, over a large range of 

frequencies [46], [57], [65], [81]–[86].  

 Second, for smaller analytes, generally, IDEs with smaller dimensions are required. As the 

size of the target analyte decreases, the area of the electrodes, width of the IDE digits, and the 

spacing between digits must be decreased accordingly. In general, the smaller the spacing between 

electrode digits, the more sensitive the resulting electrode will be. Where larger electrodes (such 

as ones for measuring cell growth) have spacing with 10’s or 100’s of microns  [51], [76], [77], 

sensors that can detect DNA for example have spacing that is less than half a micron [63], [80]. 

Putting the dimensions of the electrodes at the same scale as the target means that bound targets 
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can have more of an overall effect. There are trade-offs for having such small dimensions though, 

as smaller dimensions mean more complex fabrication techniques and increased cost. 

 The third commonly used technique for detecting smaller analytes is to amplify the 

impedance changing effect with an enhancing tag. These range from simple metal tags, to more 

complex chemical processes. The most common of these is to use signal enhancing gold 

nanoparticle tags [87]. These can be modified with additional recognition elements [88], directly 

modified with the target analyte, or used as a platform for attaching further signal enhancing 

molecules [66], [89]. Ahn et al. designed a technique that uses bound gold nanoparticles as “seeds” 

to use a chemical reaction, reacting HAuCl4 and hydroxylamine to “grow” gold on the 

nanoparticles, enough to even bridge the spacing between IDE digits [63]. 

2.5.  Conclusion 

 Proof-of-concept experiments have shown that an impedance based, gold nanoparticle 

enhanced, interdigitated biosensor system is feasible for detecting metabolites. This establishes 

confidence to continue development. However, these experiments were very basic, and a far cry 

from the sensitive, portable, inexpensive biosensor that is the goal of this research. Inspired by 

similar work in similar designs, but focused on our own specific design, the next major goals are 

to improve upon the sensor. There are several ways which this is accomplished and they are 

presented here in several distinct parts. First, in the next chapter, the design, testing and 

optimization of interdigitated electrodes is discussed. Next, the binding chemistry and sensing 

conditions are tested. And finally, the electronics involved in impedance measurement and the 

conditions for impedance measurements are designed. Although these are all presented separately, 

they are indeed not truly independent of one another. Each of these design elements influences 

each other. For example, the buffer used for measurement changes the impedance range that needs 

to be measured by the device. Changing the dimensions of the electrode may increase the 

sensitivity, but change the best measurement frequency. So, although each aspect is addressed 

separately here, all aspects of this biosensor design are intimately connected. 
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Chapter 3 : Electrode Design 

  

3.1. Introduction 

The material, dimensions and overall design of interdigitated electrodes are very important 

to consider when designing an IDE biosensor. Throughout the testing of this biosensor system, 

there have been many iterations of electrode designs as shown in Figure 3.1.  

 

Figure 3.1: Just some of the different iterations of IDEs tested during the course of the biosensor 

research. From the top: the RT-CES cell counting electrodes, to the BVT IDE conductivity sensors, 

plastic IDE cell counting electrode, to custom made electrodes, both larger ones and smaller ones 

made from glass, and finally small aluminum IDEs. 
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 Many sources have shown interdigitated electrodes to be an effective platform on which to 

base biosensor designs [15], [57], [63], [76], [79], [80], [90]–[93]. However, as discussed 

previously, the actual designs of the IDEs used can vary widely depending on the target analyte, 

exact detection method and proposed application. An IDE ideal for measuring cell growth would 

be far less effective in detecting DNA, and an IDE made for highly sensitive detection may be far 

too expensive to fabricate for some practical purposes. It therefore became necessary to find the 

exact IDE design that would be ideal for the purposes of this metabolomic biosensor. It would 

have to be sensitive enough to detect low concentrations of metabolites (with signal enhancing 

gold nanoparticles), while still relatively inexpensive enough for use as disposable chips for a 

point-of-care biosensor. The original goal of the project was to have each test for a metabolite cost  

$10 Canadian or less, which would include the electrodes, any fluidics for sample handling, buffers 

used in each test, and nanoparticles and binding agents used for detection.  

 Initially, as described in Chapter 2, IDEs were adopted from other applications for proof-

of-concept experiments. Cell-detecting electrodes, conductivity electrodes, screen printed 

electrodes were all tested first. Although proof-of-concept experiments were successful in showing 

the biosensor design can work, there was a lot of room for improvement. Therefore, custom made 

electrodes were designed based on these proof-of-concept electrodes and similar reported designs 

[57], [76], [80], [90], [94]. Electrodes designed for detecting small molecules generally have much 

smaller dimensions then ones that detect cells. Smaller electrode digit widths and, more 

importantly, spacing between electrode digits lead to higher sensitivity to bound analytes [51]. 

Different materials have also been employed for IDEs, including different insulating substrates, 

like plastic, glass and silicon dioxide (SiO2). Although gold is the most popular material for IDEs 

due to its biocompatibility, other metals, like aluminum have been used [95]. Based on the insight 

gained by studying these different designs, the next task was to design IDEs optimized for this 

specific biosensor application. Even with enough research to make an “educated guess” as to the 

best electrode design, still a large number of combinations of design factors would need to be 

tested to fins the optimal design. Therefore, to save on the excessive time, effort, and money a 

series of simulations were carried out to further narrow down the optimal design. Once simulations 

were completed, electrodes were made based on simulation results. 
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3.2.  Simulations of IDEs  

Finite element analysis simulations were carried out using COMSOL Multiphysics software 

(www.comsol.com). This software simulates the exact testing conditions, electrode materials, and 

electrode dimensions, and can display visual representations of electrical properties around 

electrodes, as well as predict exact impedance values for all such cases. This software became an 

incredibly useful tool not only in designing electrodes, but also for determining and displaying the 

mechanism by which gold nanoparticles bound to the electrodes could change the electrode’s 

measured electrical impedance. Other factors that could be tested for were the effects of different 

measurement buffers, different binding chemistries, different kinds of nanoparticles, and 

impedance measurements at varying frequency ranges.  

 Through the course of simulating and designing biosensors designs, two main detection 

methods were studied, that is, there were two different ways investigated here in which, depending 

on the design, chemically bound gold nanoparticles could change the impedance of an IDE. The 

method initially used by the proof-of-concept experiments was attaching MREs directly to the 

metal of the electrodes themselves, then binding nanoparticles to the electrode digits (in the 

presence of the target analyte). This results in the bound nanoparticles essentially “thickening” the 

electrode digits, changing the properties of the electrodes and causing a decrease in the overall 

measured impedance. This decrease in impedance can be seen in the results of early proof-of-

concept experiments (see Chapter 2). The second method deploys the MREs in the space between 

electrode digits, resulting in bound nanoparticles filling the space when target analytes are present. 

In this case, as simulations show, the position of the nanoparticles actually causes an increase in 

impedance, rather than a decrease as in the first case. 

Though the two methods have many differences between them in terms of their 

simulations, practicalities, and resulting impedance changes, there are several key similarities in 

how these simulations are considered. In a general sense the setup for both simulations are the 

same. By taking advantage of the symmetrical layout of IDEs simulation complexity could be cut 

down by essentially making the simulations in 2D. By taking a side view cutting across the 

direction of the electrode digits and then extending that slightly, small “slices” of the electrode 

area could be simulated. Then, by adding up the effects of multiple areas, the behaviour of the 

entire electrode could be simulated. This saved the extra time and complex computations that 
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would be required to simulate the entire electrode area in 3D. The second similarity between the 

two approaches is the importance of electrical screening.  

Electrical screening, also called Debye screening is an important phenomenon in 

microfluidic design [96] and an important consideration in many aspects of electrochemical 

research [46], [97], [98]. Simply put, electrical screening occurs when large numbers of free 

charges in a solution (like positive and negative ions in a solution), gather around fixed charges 

(such as charges on the surface of the electrodes in these simulations). The electrical potential of 

the fixed charges affects the charge distribution of the free charges such that the free charges cancel 

out (or screen) the potential of the fixed charges. So, after a set distance away from the fixed 

charge, characterized by a property called the Debye length, the potential from the fixed charged 

is effectively screened out completely.  

To understand better how this electrical screening effect can be controlled and even turned 

to the advantage of this biosensor design, a quick derivation is necessary. First, consider, for the 

sake of simplicity, instead of the full electrode, just a glass surface covered in a salt solution as 

shown in Figure 3.2. In a solution, the surface of the glass naturally forms a negative surface 

charge. The surrounding solution has a combination of singly charged ions, but is overall 

electrically neutral. 

 

Figure 3.2: Initial setup of the derivation of electrical screening on a charged surface. Here, a glass 

surface is surrounded by a solution with singly charged ions (with the total charge of the solution 



39 

 

being neutral). In this solution, the surface of the glass forms a negative surface charge (the 

immobile layer). The interaction between the mobile and immobile layers form the electric double 

layer.  

The relationship between the charge distribution of the free charges and the potential of the system 

is described by Poisson’s equation: 

𝛻2𝜓 =
−𝜌

𝜀
          (3.1) 

Here 𝜓 is the potential, and 𝜌 is the charge density. This equation can be expanded upon given 

that the charge density is just a summation of the different charged entities in solution, each 

described by a Boltzmann distribution. 

𝛻2𝜓 =
−1

𝜀
∑ 𝑛𝑖𝑒𝑧𝑖exp⁡(

−𝑧𝑖𝑒𝜓

𝑘𝐵𝑇
)𝑖        (3.2) 

This can be even further simplified assuming that the solution is overall electrically neutral and all 

of the entities are singly charged. In this case, there are two entities (n1 and n2) with the same 

properties but oppositely charged, reducing the sum to two terms.  

𝛻2𝜓 =
𝑒𝑛0

𝜀
[exp (

𝑒𝜓

𝑘𝐵𝑇
) − exp⁡(

−𝑒𝜓

𝑘𝐵𝑇
)]       (3.3) 

Using some simplifying assumptions this reduces to: 

𝛻2𝜓 =
2𝑒𝑛0

𝜀
(
𝑒𝜓

𝑘𝐵𝑇
)         (3.4) 

This equation can be solved for the potential as a function of the distance away from the fixed 

charge surface (y).  

𝜓 = 𝜓0 exp (
−𝑦

𝜆𝐷
)         (3.5) 

Here, 𝜓0 is the electrical potential at the charged surface, and 𝜆𝐷 is the Debye length, defined by: 

𝜆𝐷 = √
𝜀𝑘𝐵𝑇

2𝑛0𝑒2
          (3.6) 

There are a few key observations to be made here. First, the potential with screening is the same 

as the potential without screening, except with exponential decay as distance from the surface 
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increases. There is a critical distance from the surface where the potential drops to negligible 

levels, which is characterized by the Debye length. The smaller the Debye length, the smaller the 

distance until the potential is screened out. The Debye length itself can be controlled. It is inversely 

proportional to the concentration of free charges in solution.  

 With this understanding of electrical screening and how it relates to electrodes for this 

biosensor application, it is possible to not only account for the effects of screening, but to take 

advantage of them. There are several ways this is possible. First, electrical screening limits the 

electrical potential of the electrodes to a certain distance, and since detection with this biosensor 

design depends entirely on manipulating this potential, screening also limits the area where 

detection can take place. Essentially the biosensor electrodes cannot detect anything past the 

screening length. This property can be leveraged to adjust the area of interest above the electrodes. 

Designing larger screening distances enables detection of larger analytes, or while decreasing the 

screening distance limits detection to areas directly at the surface of the electrodes [51], [97]. With 

the proper electrical screening for example, only closely bound nanoparticles can change the 

impedance of the electrodes, and unbound nanoparticles can have a significantly reduced effect. 

The second way that screening can be used directly relates to the second detection method 

simulated, where nanoparticles are bound between electrode digits. Screening occurs around all 

charged surfaces in the biosensor system, including on the surface of the gold nanoparticles. 

Electrical screening creates a separation of charges between the fixed charge layer and the free 

charges past the Debye length, essentially creating a capacitor around all charged surfaces. This is 

how nanoparticles bound between electrode digits can act as additional capacitances in the system 

and cause an increase in impedance. 

3.3.  COMSOL Simulations of Gold Nanoparticles on Electrode Digits 

 For the first method of detection, COMSOL simulations were carried out to test multiple 

factors associated with the electrical properties of the designed electrodes. The simulations were 

set up with the model described previously: two dimensional cross-sections of electrode digits that 

are extended to create a three dimensional representation. Results for this method of simulation 

are displayed in terms of either electrical potential or electric field magnitude, with changes in 

electric field magnitude directly relating to the final measured impedance of the electrodes. 
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Simulations for this case were based on a Nernst-Poisson simulation method [99]. The overall 

charge distribution of the entire system is determined by the Poisson equation: 

∇2𝜙 = −
𝑒𝑁𝐴

𝜖
∑𝑐𝑖𝑧𝑖         (3.7) 

where ϕ is the electrical potential of the system, ε is the electric permittivity of the solution, the 

concentration of each ion (ci) refers to the concentration as a function of location in the system, e 

is the elementary charge, NA is Avogadro’s number and zi is the charge number (e.g. +1 or −1 for 

singly charged ions). Although the initial condition is for a uniform distribution of ions, they drift 

due to the applied voltage and surface charges, causing variations in the overall concentration, in 

turn influencing the potential. These changes in the concentration (ci) of the ions over time (t) is 

described by the Nernst-Planck equation: 

𝛿𝑐𝑖

𝛿𝑡
= ∇ [𝐷𝑖∇𝑐𝑖 − 𝑢𝑐𝑖 +

𝐷𝑖𝑧𝑖𝑒

𝑘𝐵𝑇
𝑐𝑖 (∇𝜙 +

𝛿𝐴

𝛿𝑡
)]      (3.8) 

where D is the diffusivity of the ions, u is the fluid velocity, kB is the Boltzmann constant, T is the 

temperature and A is the magnetic vector potential. This equation is simplified in this case as the 

fluid itself does not move (u = 0) and there are no magnetic fields (A = 0): 

𝛿𝑐𝑖

𝛿𝑡
= ∇ [𝐷𝑖∇𝑐𝑖 +

𝐷𝑖𝑧𝑖𝑒

𝑘𝐵𝑇
𝑐𝑖∇𝜙]        (3.9) 

which accounts for both ion migration due to the applied voltage at electrodes (
𝐷𝑖𝑧𝑖𝑒

𝑘𝐵𝑇
𝑐𝑖∇𝜙), and 

due to the concentration gradient created by this applied voltage (𝐷𝑖∇𝑐𝑖). Using these above 

equations, the COMSOL simulations are able to calculate the changes in concentrations of ions in 

IDE systems over time, as well as the resulting changes in electric field and electric potential 

distributions. 

 The first simulations using this method were done to demonstrate the migration of ions in 

solution over IDEs during measurements as well as show the formation of electrical screening 

layers over those IDEs. The electric potential of an IDE was simulated using three representative 

gold digits, each 5 µm wide with 2.5 µm between them with a 0.1V DC voltage applied to the 

electrodes (alternating positive and negative). For the surrounding background material water was 

used, including all relevant physical and electrical properties. In addition to this 150 µM KCL 

solution was simulated by adding an initially uniform concentration of positive and negative ions, 
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each with their respective diffusion constants and charges. The results of the simulation were taken 

at different times after the initial conditions were set. The results show that over time, the 

movement of the ions decreases the potential above the electrodes, showing both the formation of 

electrical screening and how it effects the electrodes. 

  
(a) (b) 

  
    (c) (d) 

 

Figure 3.3: Simulation of the formation of electrical screening layers over time. Plots show the 

electric potential of IDEs (5 µm digit width and 2.5 µm spacing) with 0.1 V DC applied with a 

background KCl concentration of 150 µM. Plots are taken at five different time points: (a) t = 0 

s; (b) t = 15 µs; (c) t = 30 µs; (d) t = 45 µs. 

While these simulation results are useful in showing the process of electrical screening as 

it pertains to the electrode system, and help show the validity of the simulations, they are just 

simulations of well-known processes and phenomena. The real useful results come from showing 
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the effects of gold nanoparticles on the electrodes. Nanoparticles bound to the gold digits of the 

electrodes were modeled as gold circles, extended along with the rest of the two dimensional 

structure (effectively creating “nano-cylinders” that approximate nanoparticles) as shown in 

Figure 3.4. Here, the nanoparticles are set 20 nm above the surface of the electrodes to account for 

the spacing from connecting binding elements between the two. 

 

Figure 3.4: Electric field magnitude of a 5 µm gold electrode with 60 nm GNPs placed  

20 nm above the electrode. A voltage of 0.1 V is applied to the electrode here and the field is in 

the presence of a 150 µM KCl buffer solution. 

 The effect of the nanoparticles on the electrodes can be seen in the magnitude of the electric 

field with and without bound GNPs. This difference was shown in the simulation by graphing the 

electric field magnitude directly between two adjacent electrode digits.  
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Figure 3.5: A graph comparing the electric field magnitude between 5 µm digits with 2.5 µm 

spacing with and without 60 nm gold nanoparticles 20 nm above the electrodes. 

 

These simulation results show that there is a decrease in the electric field magnitude between 

electrode digits caused by gold nanoparticles bound to the electrode digits. This trend is in line 

with the early proof-of-concept results for this sensing technique. Next, these simulations could be 

used to change conditions as to maximize this change in electric field magnitude. There are many 

factors that can be adjusted, and using simulations affords much more flexibility in trying different 

conditions. For these simulations, conditions included changing the ion concentration of the 

measurement buffer, changing the dimensions of the electrodes, and changing the size and 

placement of the gold nanoparticles. The sensitivity of the electrodes increased in simulations as a 

result of higher background ion concentration and as a result of a smaller gap between electrode 

digits, as shown in Figure 3.6. 
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Figure 3.6: Simulation results of the percent difference in the electric field magnitude at the center 

of the gap between electrodes digits with and without 60 nm GNPs bound to the surface of the 

electrodes. GNPs are 20 nm above electrodes, 10 mM KCl concentration and 0.1 V DC applied to 

the electrodes. Top: the effect of different ion concentrations. Bottom: the effect of different gap 

sizes. 

While maximizing the ion concentration would seem to be the best way to maximize 

sensitivity (as seen in Figure 3.6), there are practical limits to this. Increasing the concentration 

too much “washes out” any sensitivity, the conductivity of the ions dominates the measurements. 

The results of the changes in electrode gap size are consistent with many reported designs [51], 

[80], where the gaps between digits are as small as possible to increase sensitivity. There are 

diminishing returns however, with a change from 10 µm to 5 µm resulting in a change of around 

30%, and a change of 5 µm to 2.5 µm only resulting in a change of around 4%. There are also 

practical limitations here as well. As the dimensions get smaller, more precise, and expensive, 
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fabrication techniques must be used. With these examples, it can be seen that these COMSOL 

simulations not only show this mechanism of detection, but also the simulations’ usefulness in 

designing electrodes. 

 Simulations of this initially proposed detection method did show the establishment of 

electrical screening, the electric field profile surrounding IDEs, that gold nanoparticles bound to 

the electrode digits decrease the electric field magnitude between electrode digits, and the effect 

of different design conditions on the effect of nanoparticles. However, the simulations do not 

directly address why exactly the addition of nanoparticles changes the electrode impedance. As 

seen in the original proof-of-concept experiments, the addition of gold nanoparticles decreases the 

impedance of IDEs and simulations showed a decrease in electric field. Together, these indicate 

that the nanoparticles have an effect on the capacitance of the electrodes. IDEs are primarily just 

interdigitated capacitors [100]. Each adjacent pair of electrode digits can be thought of as parallel 

plate capacitors with the gap distance being the distance between two adjacent plates and the area 

of the plates being the length of digit overlap multiplied by the thickness of the electrode metal. In 

simple terms, the impedance magnitude is just: 

|𝑍| = √𝑍𝑟𝑒𝑎𝑙
2 + 𝑍𝑖𝑚𝑎𝑔𝑖𝑛𝑎𝑟𝑦

2 = √𝑅2 + (
1

𝜔𝐶
)
2

      (3.10) 

This impedance magnitude is a combination of the resistance (R) which is the contribution of 

conduction between electrode digits caused by free charges (like ions) in the buffer solution and 

the reactance which depends on the angular frequency (𝜔) and the capacitance (C). Although the 

actual capacitance of the IDEs is more complex [100], simplifying things as a parallel addition of 

a number of parallel plate capacitors shows how the capacitance is proportional to the thickness of 

the metal layer. The addition of gold nanoparticles essentially increases the height of the section 

of the digit they attach to, which in turn has the effect of increasing the capacitance of the electrode, 

thus decreasing the impedance magnitude.  

 Both simulations and early results show that this “first technique” of chemically attaching 

gold nanoparticles directly to electrode digits can cause measurable impedance changes, making 

it seemingly a viable technique for a biosensor platform. So, one may ask then what the necessity 

is for having a second technique. Despite the early success with the first technique there are a few 

key issues. These issues will be elaborated upon in future chapters, but in short, it is a problem of 
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sensitivity. It just takes too many bound nanoparticles in order cause a measurable impedance 

change. In order to be an effective quantitative biosensor, a biosensor must be able to discern 

between small changes in analyte concentrations. However, because the mechanism behind the 

first detection technique relies on bound nanoparticles having the bulk effect of changing the 

thickness of electrode digits, this effect does not change greatly with the addition or removal of a 

small number of nanoparticles. While this technique would work for qualitative detection (all or 

nothing results), or for large changes in concentration, it would most definitely not be suitable for 

the desired metabolomic applications.  

3.4.  COMSOL Simulations of Gold Nanoparticles Between Electrode Digits3 

 After the first technique was found to be lacking in terms of sensitivity, a new method of 

detecting nanoparticles using impedance. After some research and investigation, it was decided 

that it would be much more effective to attach nanoparticles between electrode digits rather than 

on top of them [94]. This seemingly minor change to the design actually can have a large impact 

on its performance and even fundamentally changes the mechanisms involved in changing an 

electrode’s impedance.  

 To investigate this new technique, more complex COMSOL simulations were carried out. 

The previous simulations only considered the effect of a small area of an electrode. These new 

simulations consider a much larger area and calculates an impedance value per unit area of an 

electrode. The limitations on the initial electrode simulations were largely due to the added 

complexity of the simulations calculating the movement of ions to create the electric screening 

layers around the electrodes. Therefore, to get around this extra calculation load, the electric 

screening in the system was predefined.  

 There are several methods that have been previously investigated for simulating electric 

screening layers [101], [102], ranging from very basic to complex. The most simple of these is the 

Helmholtz model [103]. In this model, a single layer of ions with the opposite charge of a planar 

charged surface form. This leads to a capacitance per unit area of: 

                                                 
3 A huge amount of appreciation goes to Peter Hermansen for his work on these simulations. I worked closely with 

him to develop the design of the electrodes and these simulations. He did the majority of the work on simulating 

GNPs bound between electrode digits.  
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𝐶𝐻 =
𝜖

𝐻
           (3.11) 

Where 𝜖 is the dielectric constant, and 𝐻 is the solvated radius of the ions. While simple, this 

model does not take into account the Debye length, or movement of the diffuse layer of ions. 

The Gouy [104] and Chapman [105] model expands on the basic Helmholtz model by 

adding Maxwell-Boltzmann statistics to account for the distribution of diffuse ions. In this case, 

the derived capacitance per unit area for this model is: 

𝐶𝐺𝐶 =
𝜖

𝜆𝐷
cosh

𝑒Φ

𝑘𝐵𝑇
         (3.12) 

Where Φ is the electric potential, 𝑒 is the elementary charge, 𝑘𝐵 is the Boltzmann constant, T is 

the temperature in Kelvin, and 𝜆𝐷 = √
𝜖𝑘𝐵𝑇

4𝜋𝑒2𝑐0
 is the Debye length (𝑐0 is the molar concentration of 

the electrolyte). 

The Stern model combines these two, treating the Helmholtz and Gouy-Chapman 

capacitances like capacitors in series [106]. The region around the electrode now consists of both 

a stationary Helmholtz layer at the surface, and the diffuse layer of ions defined in the Gouy-

Chapman model. The new capacitance per unit area is therefore: 

1

𝐶𝑆
=

1

𝐶𝐻
+

1

𝐶𝐺𝐶
          (3.13) 

 There are even more complex models as well, incorporating additional ion layers [107], 

however for the purposes of these simulations, this extra complexity is not necessary. The final 

model chosen to be used in these simulations is actually the Gouy-Chapman model. In real-world 

applications, there’s a practical limit to the ion concentration that can be used when taking 

measurements. If the ion concentration is too high the conductivity of the solution overwhelms 

any impedance changes caused by gold nanoparticles in the system. This restricts the buffer ion 

concentrations to relatively low values. At low ion concentrations, the contribution of the Gouy-

Chapman capacitance to the Stern capacitance is much greater than the Helmholtz capacitance so 

1

𝐶𝑆

1

𝐶𝐺𝐶
 and in this case just the Gouy-Chapman model of the electric double layer can be used. 

 Taking into account the specific conditions of these simulations, a further simplified 

version of the Gouy-Chapman model was used. 
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𝐶 =
𝜖

4𝜋λD
cosh(

𝜙0

2
)

√2|sinh
𝜙0
2
|

cosh𝜙0√ln(cosh𝜙0)
       (3.14) 

Here, 𝜙0 =
𝑒Φ

𝑘𝐵𝑇
 . To simulate this the double layer is treated a layer of thickness⁡𝜆𝐷, the 

permittivity of the layer material is set to be 𝜖𝐷𝐿 = 𝐶 ∗ 𝜆𝐷.  

 In addition to double layer simulations, the bulk properties of the surrounding environment 

had to be simulated. This region was treated as a homogeneous solution of completely dissociated 

potassium chloride dissolved in water at 25ºC. From this the molar conductivity of the solution 

can be calculated using the Debye-Hückel-Onsager equation and the effect of the salt concentration 

on the dielectric constant [108].  

 As with the previous simulations, only a small area of the total electrode was simulated 

and the properties of the electrode were extrapolated from there. In this case, a single electrode 

pair was simulated. It was assumed that the effect of other electrode digits was negligible compared 

to the effect of the immediately adjacent digits. Several additional simulations were carried out to 

test and prove this assumption. 

 A simplified diagram of the simulation setup is seen in Error! Reference source not 

found.. The simulation is generally similar to the setup of the previous COMSOL simulations, 

with a 2D plane extended into 3D space. Again, this takes advantage of the symmetry of the system 

to greatly simplify the simulation. For these simulations, once the 2D simulation is carried out, the 

parameters found can be used to find the impedance of a full 3D situation using the equation: 

⁡Z =
𝑣𝑎𝑝𝑝

(𝑁𝑒−1)𝐿𝑒√𝐽𝑥
2+𝐽𝑦

2
         (3.15) 

Here 𝑁𝑒 is the number of electrodes, 𝐿𝑒 the length of the electrodes, 𝑣𝑎𝑝𝑝 is the amplitude of 

applied voltage, 𝐽𝑥 and 𝐽𝑦 are the current densities in the simulation plane. This equation assumes 

that the current density is constant along the length on the electrodes. This is a good approximation 

to make as long as 𝐿𝑒is far greater than the width of the electrodes or the distance between them 

(𝑤𝑒 and⁡𝑑𝑒).  
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Table 3.1. Simulation parameters 

Parameter Description Value 

𝑁𝑒 Number of electrode 

digits 

561 

𝐿𝑒 Length of electrodes 3.034 mm 

ℎ𝑤 Height of well 0.1mm  

ℎ𝐵𝑆 Thickness of glass 0.1mm 

𝑤𝑒 Width of electrode 0.25µm - 16µm 

ℎ𝑒 Height of electrode 50nm 

𝑑𝑒 Distance between 

electrodes 

0.25µm - 16µm 

𝑟𝐺𝑁𝑃 Radius of gold 

nanoparticle 

30nm  

𝑑𝐺𝑁𝑃 Distance of gold 

nanoparticle from 

electrode 

Dependent on gap size 

𝜖𝐵𝑆 Relative permittivity 

of the borosilicate 

glass 

4.6 

𝜎𝐵𝑆 Conductivity of the 

borosilicate glass 

2.5nS/m 

 Table 3.1. shows a description of the dimensions in the simulation setup (as shown in 

Error! Reference source not found.) as well as the values for these dimensions that were used 

for these simulations. Some of these dimensions were fixed for all simulations such as the number 

of electrode digits, length of the electrode digits, electrode height, and nanoparticle radius. The 

value of these parameters would not have a significant effect on the overall function of the 
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electrode, and their values were set based on early stage designs, initial experiments, and 

fabrication limitations. The parameters that were changed, such as the electrode digit width, and 

the distance between digits have a much more significant impact on the sensitivity of the electrode. 

These initial parameters were taken from prototype electrodes (such as number of digits) and others 

are known material properties. 

 

Figure 3.7: Basic diagram of the simulation setup, showing the electrode substrate, two adjacent 

electrode digits, a gold nanoparticle between those digits, and the electric double layer surrounding 

the system. 

 

The value 𝑑𝐺𝑁𝑃 describes the location of the gold nanoparticle between electrodes. Because 

the change in impedance is highly dependent on the location of the nanoparticle (the closer the 

nanoparticle is to the middle of the gap the less the change in impedance), all simulations were run 

20 times with the gold nanoparticle in a different location each time. The equation used to describe 

this is: 

𝑑𝐺𝑁𝑃 = 2 ∗ 𝜆𝐷 +
(𝑛−1)(𝑑𝑒−2(𝑟𝐺𝑁𝑃+⁡𝜆𝐷)−𝜆𝐷)

19
      (3.16) 
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Here n is a set of values ranging from 1 to 20. By running simulations for each value of n the 

system can be simulated with 20 different locations of the gold nanoparticle. This equation is set 

up such that the double layer formed on the electrodes does not overlap with the double layer on 

the nanoparticle. 

 With the simulation dimensions set and the electric screening layer defined, the next step 

was to define the physics that the Comsol simulation software would simulate. Using Comsol’s 

electric currents module the electric field and electrical currents of the electrode system and the 

effects of nanoparticles on that system could be simulated. Comsol used three main equations to 

determine the current densities, electric displacement field, and electric field, all in the frequency 

domain. Boundary conditions were set such that all electrode digits only interact with adjacent 

digits (which has been shown to be a fair assumption). Frequency sweeps were based on limitations 

of existing equipment, ranging from 1Hz – 10MHz, with 20 frequencies simulated per decade.  

 

Figure 3.8: Surface plot electric field magnitude of electrodes with a gold nanoparticle. 

 

 Figure 3.8 shows simulation results of the electric field magnitude of two adjacent digits 

of an electrode with a bound gold nanoparticle between. The figure shows the areas where the 
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electric field is the strongest, how rapidly it dissipates away from the surface, and the disruption 

of this field caused by the nanoparticle.  

 The main purpose of these simulations is to weigh the effectiveness of different electrode 

configurations. This was done by evaluating the effect simulated nanoparticles had on the 

impedance response of electrodes. A value defined here as “responsiveness” was calculated as the 

percent difference in the impedance phase result between a bare simulated electrode and one with 

a bound gold nanoparticle. 

𝑅 = |
𝜃𝑛𝑜⁡𝐺𝑁𝑃𝑠−𝜃𝐺𝑁𝑃𝑠

𝜃𝑛𝑜⁡𝐺𝑁𝑃𝑠
| ∗ 100        (3.17) 

Where 𝜃𝑛𝑜⁡𝐺𝑁𝑃𝑠 is the simulated impedance phase without gold nanoparticles present and 𝜃𝐺𝑁𝑃𝑠is 

the impedance phase when gold nanoparticles are present. As seen in equation 3.17, this 

responsiveness value is directly related to the impedance effect that gold nanoparticles have on the 

electrode. The larger this value, the more sensitive the electrode is to changes caused by bound 

nanoparticles. It is important to note that these values are based on a simulation of a single 

nanoparticle, so they do not reflect any actual impedance values, but rather they serve as an 

indicator of electrode function (the intended purpose of these simulations). 

 

3.4.1. Location of nanoparticle 

 The location of the bound gold nanoparticle relative to the electrode digits has an effect on 

the impedance change. A nanoparticle in the center of the gap between digits (and therefore the 

maximum distance away from the electrode) has a smaller effect on impedance than one right next 

to one of the digits. To demonstrate this effect, the simulation was run with a nanoparticle in 20 

different positions between adjacent electrode digits and the responsiveness was calculated for 

each. 
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Figure 3.9: Impedance response depending on the location of the nanoparticles between electrode 

digits. 

 Figure 3.9 Shows the range of impedance response over the range of positions of a bound 

nanoparticle between electrode digits. There is a wide variation seen in impedance change based 

on the position. This could potentially be an issue if the system were to measure very small 

numbers of nanoparticles. If a single nanoparticle could contribute a range of impedance effects 

on an electrode, detecting sensitivity would suffer greatly. However, it is assumed that when many 

nanoparticles are bound to the surface, they will disperse evenly (i.e. no preferential binding across 

electrode gaps), resulting in an accumulated change at the average sensitivity value. It is also 

assumed that in this case nanoparticles would not aggregate together on the surface, but rather stay 

separate. Considering the intended application of this sensor system, and referring back to the list 

of metabolites in Table 1.1, for detecting small biological molecules, biologically relevant 

concentrations are generally in the range of µM, and changes in concentration that need to be 

detected are in the range of nM-µM. Assuming a 1nM concentration sensitivity is required, and 

assuming a relevant binding volume found by multiplying the surface area of an electrode (3mm 

x 3mm) by an approximate area over the electrode where metabolites in the sample will bind 

(around 10nm), an approximate minimum number of detectible GNPs can be calculated. Using 

these assumptions, a minimum of around 150000 GNPs would be the minimum detectible. Based 

0

0.5

1

1.5

2

2.5

3

3.5

1E+0 1E+1 1E+2 1E+3 1E+4 1E+5 1E+6 1E+7 1E+8

R
es

p
o

n
si

ve
n

es
s

Frequency (Hz)

Impedance Response of Gold IDEs with 2um Digit Spacing 
Due to GNP Location 



55 

 

on the law of large numbers, given a random distribution and a sufficiently large sample size 

(150000 GNPs), the value converges on the mean. Therefore, though there is a large variation in 

the response caused by a single nanoparticle, a minimum measurable changes from the sensor will 

be consistent. 

3.4.2. Impedance Response of Digit Gap Spacing 

 The next important factor to be considered is the size of the gap between adjacent electrode 

digits. Theoretically, the closer the gap size is to the detected element’s size (e.g. several microns 

for detecting cells, or less than one micron for small molecules) the better the performance of the 

sensor. Therefore, the closer the gap size in this case is to the size of the nanoparticles, the better 

the performance should be. However, there are practical limitations to fabricating real electrodes 

with standard optical lithography techniques, limiting the minimum gap size. For simulating this, 

simulations were done for a range of gap sizes between 0.25 µm to 5.0 µm, all over a range of 

frequencies between 1Hz to 100MHz and for 20 different nanoparticle positions in the gap. In all 

cases the digit width to gap ratio was kept constant at 2:1, and an average nanoparticle coverage 

of 10% of the electrode area was used to adjust the impedance response.  

 

Figure 3.10:  Plot of impedance response values over frequencies of 1Hz to 100MHz and electrode 

gap sizes ranging from 0.25 µm to 2 µm. The electrode digit width to gap ratio is kept at 2:1. 
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Figure 3.11:  Plot of impedance response over frequencies of 1Hz to 100MHz and electrode gap 

sizes ranging from 2 µm to 5 µm. The electrode digit width to gap is kept at 2:1. 

 As predicted, the impedance response increases as gap size decreases. The frequency 

response is interesting as well. There is a consistent peak around 100 kHz. 

 

3.4.3. Impedance Response of Gap to Digit Ratio 

 Next the effect of the gap to digit ratio was tested. In a similar way to the previous 

simulations with gap size, here simulations were done at a range of frequencies and nanoparticle 

positions, but this time keeping the gap size consistent at 2 µm and changing the ratio from 1:8 to 

4:1.  
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Figure 3.12:  Impedance response of different gap to digit ratios with electrodes kept at a 2 µm 

gap size. There is one central peak in responsiveness centered around 100kHz for all gap sized, 

but overall the response increases as the gap size increases compared to the digit width. 

 Figure 3.12 shows that the peak frequency varies only slightly with varying gap to digit 

ratio. The impedance response does increase as the ratio increases. Putting this together with the 

gap size simulations, the ideal electrode dimensions would minimize the gap size, while keeping 

the digit width even smaller. Of course, with practical cost and fabrication constraints limiting the 

design parameters for the electrodes, these ideal characteristics have to be limited to what can be 

done affordably and reliably in making electrodes.  

 

3.5.  Considerations of Electrode Materials 

 All simulations so far have considered gold electrodes patterned on glass substrates. These 

are very common materials used for making biocompatible electrodes. Glass is electrically 

insulating, non-reactive, stable, and transparent (which is useful for characterization). Gold is 

famously biocompatible [69], [109], non-reactive so it doesn’t oxidize or corrode easily, and can 

be easily modified using thiol chemistry [43], [71], [87], [110]–[112]. However, these materials 
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also present limitations and challenges. It can be difficult to pattern metals on glass, especially 

compared to other similar materials. Silicon dioxide grown on silicon wafers can be much easier 

to work with, and its structure can be easier to functionalize. And despite all the advantages of 

gold, its non-reactivity can make it difficult to pattern effectively while making electrodes, leading 

to more defects and forcing larger feature sizes. One alternative is aluminum, which is much easier 

to pattern using standard optical photolithography and wet etching techniques. Aluminum is more 

reactive than gold and forms a natural oxide layer on its surface, but this can actually be 

advantageous for this particular biosensor design. The changes in impedance for this design are 

largely from the capacitive contribution to the impedance, and the oxide layer around aluminum 

electrodes act as insulators blocking the resistive component (caused by conduction of ions in the 

surrounding buffer solution). 

 With these alternative materials in mind, further simulations were done comparing gold 

electrodes on glass substrates to aluminum electrodes on silicon dioxide. For simulations with 

aluminum electrodes, an extra layer of 1nm aluminum oxide was simulated on the surface of the 

aluminum, and a 0.5 µm thermally grown silicon oxide layer on a silicon substrate was used.  

Table 3.2: Simulation parameters for aluminum electrodes on oxide 

Property Description Value 

𝜖𝑆𝑖 Relative permittivity of silicon 11.68 

𝜎𝑆𝑖 Conductivity of silicon 435µS/m 

𝜖𝑆𝑖𝑂2 Relative permittivity of silicon 

dioxide 

3.9 

𝜎𝑆𝑖𝑂2 Conductivity of silicon 

dioxide 

10pS/m 

𝜖𝐴𝑙3𝑂2 Relative permittivity of 

aluminum (III) oxide 

9.34 

𝜎𝐴𝑙3𝑂2 Conductivity of aluminum 

(III) oxide 

5pS/m 
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 Table 3.2 describes the extra parameters associated with aluminum electrodes on silicon 

dioxide substrates. Simulations were done with 2 µm digit gap, a 1:2 gap to digit ratio, and 10% 

gold nanoparticle area coverage in the gap. Like other simulations, simulations were run for each 

frequency from 1Hz to 100MHz with twenty frequencies simulated per decade. For each frequency 

twenty different simulations were run corresponding to possible gold nanoparticle locations in the 

gap. These were carried out for both the original gold electrodes and with the new parameters of 

the aluminum electrodes. The impedance magnitude and phase for each were compared as well as 

their sensitivities to gold nanoparticles. 

 

Figure 3.13: Simulated impedance phase and magnitude of aluminum and gold electrodes. This 

behaviour matches both the theoretical impedance curves for a non-faradaic two electrode system 

and for real measurements on IDEs. 
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Figure 3.14:  Simulated impedance response of aluminum and gold electrodes to bound gold 

nanoparticles. The general trend for both materials is the same with the same peak frequency, but 

the gold electrode has a higher response than the aluminum. 

 While there is a slightly greater response with the gold electrodes (peak response of 3.3% 

for gold versus % for aluminum), both simulations show that the electrodes behave very similarly. 

Therefore, practical fabrication considerations, as well as the best designs for accommodating 

biological and chemical components can be used when choosing the proper materials to use. 

 

3.6.  Electrode Fabrication 

 From early proof-of-concept experiments to a working biosensor device, there have been 

many iterations of electrodes used. These have included proprietary electrodes made for existing 

sensor systems, individual, single use conductivity sensors, screen-printed electrodes on plastic, 
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electrodes based on modifications made to existing designs, and finally completely original 

designs.  

 As discussed in previous chapters, initial experiments were done on the RT-CES cell 

counting system. This system comes complete with its own gold interdigitated electrodes, custom 

made for that device’s intended application of counting cell growth. As such, these electrodes are 

gold interdigitated electrodes patterned on glass treated for adherent cell growth. The dimensions 

of the electrode gaps and digits are therefore appropriately sized for this application, meaning they 

are comparable in size to the cells they are designed to detect. These are much larger than ideal 

dimensions for detection gold nanoparticles, and although it has been shown that it is possible (as 

seen in Chapter 2) for these electrodes to detect bound nanoparticles, the setup is far from ideal.  

 The next two iterations of the electrodes were both interdigitated gold screen printed 

electrodes purchased from BVT Technologies and Applied Biophysics Incorporated. While their 

dimensions are both significantly larger than the RT-CES plates, their electrical connections and 

materials were easier to manage and control making them useful for early testing of impedance 

measurements and comparisons between impedance measurement systems (see Chapter 5 for more 

information on impedance measuring).  

 

Figure 3.15: An Applied Biophysics Inc. sensor chip. This sensor chip has eight interdigitated 

electrodes made of printed gold on clear plastic. The electrode digits are very large with visible 

gaps between them. 

 While there are many interdigitated electrodes available for purchase for a number of 

different applications (from DropSens, Applied Biophysics Inc., and others), including the ones 

described above, there were none that fit the exact parameters that were required for this biosensor 
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design. Therefore, custom microfabricated sensor electrodes were designed. Designs were based 

on the overall footprint of the Applied Biophysics Inc. except with the electrode digits being much 

smaller and much closer together (resulting in many more electrode digits overall). Original mask 

files were obtained directly from Applied Biophysics Inc. and were modified using Klayout GDS 

editing software. A five-inch photomask was then created using the services provided by the 

University of Alberta Nanofab facilities.  

 

Figure 3.16: A portion of the mask design of the first series of microfabricated electrode chips 

(Electrodes A and B from Table 3.3). 

Electrodes were then fabricated using standard photolithographic techniques on four inch 

square borofloat glass substrates4. A 100nm gold layer was deposited on the glass with a 10nm 

chromium adhesion layer in between to keep the gold attached to the glass substrate. After 

photoresist deposition and patterning using the mask, the gold and chromium were etched using a 

wet etch. After this, the electrode chips were diced into individual chips (with eight individual 

electrodes on a single chip) and cleaned. 

                                                 
4 These first designs were fabricated by Tushar Biswas, a graduate student in another group working on the CRIO 

Tricorder project. 
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Figure 3.17: An electrode chip (Electrode A from Table 3.3) connected for impedance 

measurements. This electrode chip has eight electrodes on it with 20 µm digits with 10 µm spacing 

between adjacent digits. The electrodes are made of gold printed on a glass substrate. The chip is 

connected to a series of pins using a connector screwed into a base. This connector allows the chip 

to be easily connected to an impedance meter. 

 There were two different configurations of electrodes that were made using this mask. One 

with 20 µm digit width and 10 µm spacing between digits (Electrode A from Table 3.3), and 

another with 10 µm digit with and 5 µm spacing (Electrode B from Table 3.3). While simulations 

show that minimizing digit spacing would result in optimal performance, there were potential 

limitations from the photolithography and wet etching, thus the larger spacing. Testing of these 

electrodes did show that they performed as expected mostly (more on this in future chapters). 

There were some failures including over etched electrodes, and under etched electrodes, leading 

to short circuits on the electrodes, especially with those with smaller dimensions.  

 In the next iteration of electrodes, the main goals were minimizing cost, improving yield, 

and improving sensitivity. This was accomplished in two main ways: making all of the dimensions 

of the electrode chips smaller, and further decreasing the digit with and spacing of the interdigitated 

electrodes themselves. An entirely new mask layout was designed, this time with much smaller 

chips so that more could fit onto a single wafer, this time with six chips on each wafer, as opposed 

to just two before, significantly decreasing the price per electrode. Additionally, the surface area 

of the electrode pads was also significantly decreased. This serves to not only decrease the overall 

size of the chip, but also decreases the likelihood of defects on each electrode. With these changes 

along with refinements to the fabrication process, the dimensions of the electrodes were made even 

smaller, now down to 4 µm digit width and 2 µm gap spacing between digits. With even more 
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electrodes on this design, one entire chip on the mask was designed with different dimensions 

including 4 µm digits with 4 µm gaps, 2 µm digits with 2 µm gaps, 4 µm digits with 1µm gaps, 

and 2 µm digits with 1 µm gaps. The purpose of these electrodes was to test the limits of the 

fabrication techniques used and to compare their performance to the standard electrodes. The 

smaller gap sizes usually did cause short circuiting and the smaller digit sizes could lead to 

problems with over etching removing them completely. However, with the right amount of 

intentional over etching, some working electrodes were created with these alternatively sized 

electrodes.5 

 

Figure 3.18: Mask layout for the smaller electrode chips (Electrodes C, D, and E from Table 3.3). 

 

                                                 
5 While I designed the electrodes, fabrication was done in the ECE Nanofab both by nanofab staff, and by other 

members of the lab group. My appreciation goes to Gaser Negah and Ryan Corpuz for making some of these chips I 

designed. 
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Figure 3.19: Left: Gold microfabricated electrode chip on a glass substrate (Electrode C from Table 

3.3). Each IDE is designed with 4 µm digits with 2 µm spacing between digits. Right: a closeup 

image the side of one of the gold IDEs taken with an optical microscope. This image shows one 

side of the electrode digits (no interlocking digits are visible here). 

 The use of glass substrates did make imaging and characterization of the electrodes easier, 

but they lead to low yields and fabrication errors. Gold wouldn’t adhere properly to the glass, and 

the thickness of the glass wafer would vary over the surface. Therefore, silicon dioxide was used 

for new substrates. Silicon wafers with 0.5 µm thermal oxide were used as substrates for new 

batches of electrodes. With these substrates, metal adhesion is more consistent and electrode yield 

and quality are higher. There are additional advantages in the ease of surface chemistry and 

interactions on silicon dioxide compared to borosilicate glass (more on that in the next chapter). 

One disadvantage of using silicon dioxide is that it is not as insulating as glass substrates, leading 

to a less capacitive impedance profile for the electrodes. Overall, the advantages in fabrication are 

greater than the disadvantages in measurements. 

 Additionally, as discussed previously, aluminum electrodes have also been made. In 

contrast to gold electrodes, aluminum electrodes are easier to fabricate with higher yields. 

Aluminum patterning is more standardized with no adhesion layer required and better controlled 

etching with wet etching techniques. Additionally, the aluminum oxide layer that forms on the 

electrodes insulates the electrodes making impedance measurements more capacitive (and 

therefore more sensitive to detecting nanoparticles). There are some issues however with reactivity 
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as salt solutions, buffers and biological samples can dissolve aluminum oxide and can even damage 

the electrodes.  

 

Figure 3.20: Left: Aluminum electrodes patterned on silicon dioxide (Electrode D in Table 3.3). 

The majority of the electrode chips have dimensions of 4 µm wide electrode digits with 2 µm gaps 

between digits. The chip in the bottom centre has multiple configurations of electrode dimensions 

for testing purposes. Right: Another electrode design (Electrode F in Table 3.3). Gold electrodes 

printed on silicon dioxide. Each electrode is approximately one third of the size of the previous 

iteration with smaller dimensions (5 µm digits with 1 µm gaps between digits). 

Table 3.3 shows an overview of several of the major iterations of fabricated electrode chips 

including the materials used to make the chips and the key dimensions of the interdigitated 

electrodes. Each of these configurations has been given a label (A-F) to refer to them and 

distinguish between them in this and other chapters. 

Table 3.3. Electrode Configurations 

Electrode 

Configuration 

Materials Electrode size 

(total surface area) 

Number of 

Electrode 

Pairs 

Electrode 

Digit 

Width 

Electrode 

Gap 

Width 

A Gold on glass 7 mm x 7 mm 140 20 µm 10 µm 

B Gold on glass 7 mm x 7 mm 280 10 µm 5 µm 

C Gold on glass 3.4 mm x 3.4 mm 340 4 µm 2 µm 
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D Aluminum on 

silicon dioxide 

3.4 mm x 3.4 mm 340 4 µm 2 µm 

E Gold on silicon 

dioxide 

3.4 mm x 3.4 mm 340 4 µm 2 µm 

F Gold on silicon 

dioxide 

2.3 mm x 1.5 mm 210 5 µm 1 µm 

 

3.7.  Conclusion 

 As the design of the biosensor system has evolved, the design of the interdigitated 

electrodes has also changed and improved. Starting with electrodes with different intended uses, 

new and better suited electrodes have been designed, fabricated and tested. Simulations of the 

electrical properties of different electrode designs have not only revealed new and better 

mechanisms for detecting bound gold nanoparticles by changing how and where nanoparticles are 

bound to the electrodes, but these simulations also inform the electrode designs themselves. 

Choices of electrode dimensions and testing conditions were made based on the results of 

simulations, resulting in intelligent prototyping investments and electrodes best suited for the 

biosensor system.  

 However, the current iteration of these interdigitated electrodes is still in an early stage and 

are not perfect. The fabrication techniques used can be better suited to fabricating smaller digits 

and closer gap distances. The fabrication techniques currently available, particularly the use of wet 

etching, limit the dimensions and lower the yield of devices. One problem regularly encountered 

is over etching, causing gaps to be widened and digits to be smaller, or eroded completely. Other 

failure modes come from the chrome adhesion layer on the gold electrodes becoming etched away 

leading to gold that is not stuck to the substrate (often resulting in digits falling off the electrodes, 

or shorting out). The actual design of the electrodes themselves can also be improved in future 

iterations. In addition to further reducing the gap and digit sizes (as indicated by the previous 

simulations), the area of the electrode pads can also be reduced. The actual amount of digit overlap 

and number of digits in the electrodes do not have a major impact on sensitivity based on 

simulations, so decreasing the surface are of the electrodes can cut down on potential fabrication 
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errors, save substrate space (leading to decreased fabrication costs per electrode), and overall help 

miniaturize the device. Additionally, once fluidic channels are added to the system, the shape of 

the electrodes should likely be changed to better accommodate fluid flow. 

 With the detection method simulated and actual electrodes made, the logical next step is to 

confirm these simulations. This testing and confirmation involves measuring the impedance of 

electrodes over a range of frequencies, input voltages, and measurement buffers. Testing 

sensitivity to nanoparticles presents more of a challenge. Nanoparticles had to be attached to 

electrodes (both tests with nanoparticles attached on electrode digits and between electrode digits) 

by various means as well as biological recognition elements like DNA, antibodies and other 

proteins. The next chapter focuses on chemically modifying electrodes, attaching nanoparticles, 

characterizing surface chemistry, and testing the effectiveness of these electrodes using impedance 

measurements. 
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Chapter 4 : Chemistry and Impedance 
4.1. Introduction 

 So far in the course of this biosensor design proof-of-concept experiments have shown that 

gold nanoparticles can be used to detect biological molecules using impedance changes on 

interdigitated electrodes. Next, simulations have been used to find a more effective detection 

method in attaching nanoparticles between electrode digits. Then, based on these simulations, 

electrodes were made. The next step is chemically modifying electrodes and nanoparticles for 

attaching molecular recognition elements for biomolecule detection. This is a vital step for the 

final implementation of the device as well as basic validation of the design, simulations and 

detection technique in general. To accomplish this, there were several necessary preliminary steps, 

intermediary setups, and independent validations required. The approaches for chemical binding 

have varied widely depending on the intended biomolecules, nanoparticles, and final placement 

on the electrodes.  

 In the earliest proof-of-concept experiments involved attaching molecular recognition 

elements to gold on the electrodes and gold nanoparticles. As such, the chemistry is basically the 

same for all gold surfaces. In later designs, where MREs are attached between electrode digits on 

the substrate, new and different binding strategies had to be used. These strategies often involved 

adding layers of chemical modification onto the electrode (both on the metal electrode digits and 

on electrode substrates) which could encourage or hinder specific binding. With multiple steps and 

multiple layers required to facilitate MRE modification, proper technique, consistency, and 

importantly, characterization was necessary. Characterization was employed in a number of 

different forms such as imaging using fluorescent imaging, scanning electron microscopy (SEM), 

or atomic force microscopy (AFM) to check for modification coverage or efficiency, and chemical 

characterization with techniques like X-ray photoelectron spectroscopy (XPS) or Fourier 

transform infrared spectroscopy (FTIR) to confirm the exact chemical composition of 

modifications. 

 In addition to this biosensor there are many other examples in biological sciences of 

immobilizing biological molecules to surfaces. Bound antibodies can be used for enzyme-linked 

immunosorbent assays (ELISA) in identifying proteins [113], [114]. Surfaces are treated with 
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proteins and polymers to allow for cell cultures to grow on them [115], [116]. DNA sequences are 

bound to substrates for DNA sequencing [117]. Different applications require different biological 

molecules, substrates, and chemical linkers. 

4.2.  Nanoparticles 

 As discussed in previous chapters, the use of signal enhancing gold nanoparticles is vital 

for this biosensor design. While bound biomolecules could potentially be enough to cause an 

impedance change on interdigitated electrodes [118] depending on the molecule size, charged 

functional groups and the electrode dimensions, the purpose of attaching gold nanoparticles is to 

provide a much larger change in impedance than can be caused by biomolecules alone, as well as 

providing a more consistent change independent of the type of biomolecule detected.  

 In Chapter 2 the specific role of nanoparticles was investigated in simulations. Briefly, gold 

nanoparticles bound between electrode digits in a buffer solution form a double layer which acts 

as a capacitor. This capacitance influences the electric field between electrode digits, thus raising 

the overall measured impedance. Further simulations showed that overall the size of the 

nanoparticles does not have a significant impact on impedance change. Therefore, the choice of 

nanoparticle size should be determined by what would work best for binding, chemical 

modification and stability.  

4.2.1. Effect of Bare Gold Nanoparticles in Solution 

 In one early proof-of-concept experiment, gold nanoparticles suspended in solution were 

deposited on electrodes and that impedance was compared to solution alone. The idea here is that 

some of the nanoparticles in solution will be between electrode digits, thus causing intended effect 

on impedance (interfering with the electric field there) without having to bind the nanoparticles 

directly to the electrodes. There are of course some issues with this design, no guarantee of the 

exact number or concentration of nanoparticles between digits, or the placement of the 

nanoparticles over the electrodes, but the purpose here was to see the effect of nanoparticles, and 

show that it does indeed match the simulation results while not complicating the setup with 

chemical modification and binding. For this experiment, 30nm diameter spherical nanoparticles 

purchased from Cytodiagnostics (www.cytodiagnostics.com) were used. These nanoparticles were 

created using the citrate reduction method [119], [120] and were therefore citrate stabilized (which 

http://www.cytodiagnostics.com/
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provide a surface charge on the nanoparticles). Measuring the impedance of the nanoparticles as 

is would not be useful, as the surrounding solution that stabilizes the nanoparticles is too salty for 

measurements. That is, the ion concentration of the solution is too conductive, thus any impedance 

measurements will only reflect that conductivity and not the effect of the nanoparticles. Thus, the 

nanoparticles had to be suspended in a less concentrated salt solution. To do this 1 mL of 

nanoparticles (1.79*1011 nanoparticles per mL) in the original solution were spun down in a 

centrifuge and washed three times with 150 µM KCl before being suspended in 1mL of 150 µM 

KCl. A gold IDE chip with 20 µm digit width and 10 µm gap spacing was used for experiments 

(Electrode A from Table 3.3). First, 50 µL of 150 µM KCl solution was put on the electrodes and 

the impedance phase and magnitudes of the electrodes were measured between 1 KHz and 100 

KHz using a Gamry 500 Electrochemical Measuring Station.  

 

Figure 4.1: Graph comparing impedance phase and magnitude measurements over a range of 

frequencies (1 kHz – 100 kHz) for interdigitated electrodes (Electrode A from Table 3.3) in a 150 

µM KCl solution (blue line) and suspended 30nm diameter gold nanoparticles in 150 µM KCl 

solution (red line). 

 The results here show that the presence of gold nanoparticles alone in solution cause a 

measurable change in the measured impedance magnitude. These results are also consistent with 

the prior simulations as the nanoparticles caused an increase in the impedance magnitude over the 

measured frequency range. 
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4.2.2. Gold Nanoparticle Synthesis and Modification 

 In addition to the 30nm and 60nm gold nanoparticles, smaller, 16nm diameter gold 

nanoparticles were made in our lab. These nanoparticles were made by a standard sodium citrate 

method [119], [120]. The size average and distribution was measured using optical density, zeta 

potential, and transmission electron microscope (TEM) imaging6. These tests determined that the 

average diameter was 16nm with a narrow variation in diameter. The 30 and 60 nm diameter 

electrodes were used for early experiments, including all tests with the RT-CES, suspended 

nanoparticles, and nanoparticles bound to the gold digits on the fabricated electrode chips. The 

smaller lab-made nanoparticles were used for all testing and modifications related to attaching 

nanoparticles to electrode substrates.  

 

Figure 4.2: TEM image of gold nanoparticles modified and used in biosensor experiments. The 

nanoparticles are approximately 16 nm in diameter. (Scale bar in the bottom corner denotes 

100nm)  

                                                 
6 Thanks to Donghai Lin and Gaser Nagah for characterizing the nanoparticles and taking the TEM image shown in 

Figure 4.2  
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 In the course of biosensor experiments, gold nanoparticles were modified in many ways 

with different chemicals, surfactants, stabilizers, biomarkers, fluorescent tags, DNA, and 

molecular recognition elements. In almost all cases thiol modification was used [121]. Gold readily 

forms bonds with sulfur (forming a thiol bond), so almost any small molecule modified with a 

sulfur group can be attached to nanoparticles. Regardless of what was being attached to the 

nanoparticles, the general procedure was basically the same. Thiol terminated modifiers (e.g. DNA 

with terminal thiol groups, or polyethylene glycol with an attached thiol group) suspended in water 

were added to nanoparticles in suspended in citrate solutions. Though the amounts of these varied 

depending on the modification, in most cases much more modifiers are used than nanoparticles, 

ensuring multiple modifiers are attached to each nanoparticle. In some cases, two or more types of 

modifiers were used, such as stabilizers to keep nanoparticles suspended in solution along with 

DNA for molecular recognition. In order to prepare the thiol groups for binding to the gold, TCEP, 

a reducing agent, was used. A small amount of TCEP (with about a 3:1 molar ratio of TCEP to 

thiols) was added along with the GNPs. After mixing and allowing time (several hours) for the 

reducing agent to react and for the thiols to bind to the gold, the solution is spun down in a 

centrifuge. Centrifugation separates the modified nanoparticles out of the surrounding solution, 

which can be removed and replaced with water or low salt buffers. The centrifugation is repeated 

three times to ensure all of the unbound modifiers, reagents, and citrate buffer are removed. After 

modification, the nanoparticles can be used on the biosensor, or they can be tested using techniques 

such as optical density or zeta potential measurements to confirm successful modification.  

4.3.  Impedance Measurements 

 It is important at this point to take a slight detour and provide some explanation of how 

exactly the impedance of electrodes is measured. Over the course of design and testing of the 

system this has been accomplished many ways, from simple measurements using a handheld 

impedance meter, to the final biosensor device. As described previously, the RT-CES cell counting 

system was used for initial proof-of-concept experiments, and while it does measure impedance, 

it only presents its data as a “cell index” value. This reflects changes in impedance, but not the 

intricacies of the measurement. Important information like the input voltage and frequencies, as 

well as exact phase and magnitudes were missing. Next the handheld LCR meter (from Agilent) 

was used for subsequent tests. This inexpensive device, as the name suggests, is capable of 
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measuring inductance, capacitance, and resistance, and functions in a similar way to a multimeter. 

The LCR meter has a small set output voltage, and discrete output frequencies ranging from DC 

up to 100 kHz. It was very useful in discovering more about the exact impedance ranges of 

electrodes and the most effective frequencies at which to measure impedances. There are still some 

significant disadvantages to exclusively using an LCR meter for impedance measurements. These 

include the inability to record impedance measurements over time or measure impedances at a 

range of frequencies.  

 For more detailed impedance measurements, electrochemical potentiostats were used. 

These tabletop electrochemical analysis stations are capable to measuring a wide range of 

impedances with a high degree of control over input characteristics and how information is 

displayed. These devices are useful for electrochemical measurements and characterizing thin 

films among many more diverse applications [122], [123]. For the purposes of this biosensor 

design, impedance phase and magnitudes are measured over a range of frequencies. These devices 

also allow for data analysis and comparisons between measurements making electrode 

characterization much easier.  

 While potentiostats are invaluably useful for testing electrodes, characterizing surface 

chemistry, and defining design parameters required for the biosensor device, they are far from 

ideal as an inexpensive, portable biosensor device. Standard potentiostats are tabletop devices that 

require a computer to operate, and can cost on their own between $10000-$50000. It is still 

necessary then to “strip down” the unneeded aspects, and simplify the required elements to create 

the desired biosensor (more on this in the next chapter). 

4.4.  Gold Electrode Binding 

 Binding gold nanoparticles to gold substrates is a popular technique in biosensor design 

[88], [124]. The main reasons for this are the biocompatibility of gold and the simplicity of using 

the same thiol binding scheme for both substrate and nanoparticles. It is this simplicity that initially 

inspired early designs that bound gold nanoparticles directly to gold electrode digits on our IDEs 

(as opposed to between them in later designs). This way the same thiol binding techniques that 

attached MREs or biomolecules to modified gold nanoparticles could be used to attach capture 

agents.  As with GNP modification, molecules with thiol groups can be attached to gold electrodes 
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by covering the electrodes in a solution of the modifying molecules along with an appropriate 

reducing agent (again, TCEP just like for nanoparticles). After modification, electrodes are washed 

with water and sonicated (submerged in ultrasonically vibrating water) to remove and wash away 

any unbound molecules and clear off remaining reducing agent. This technique was used for early 

proof-of-concept results (as discussed in Chapter 2), and for tests involving short complementary 

strands of DNA.  

 

Figure 4.3: One possible configuration for detecting DNA. A sample containing the target DNA 

(red sequence) is complementary to part of a strand on the electrode surface (green strand) and 

part of a strand on modified GNPs (blue strand). This binds the nanoparticles to the electrodes for 

detection.  

4.4.1. Poly-A/Poly-T DNA Experiments 

(Note: These early proof-of-concept DNA experiments were briefly covered in Chapter 2.) 

In early experiments with alternative electrodes, either adapted conductivity sensors from 

BVT technologies, or the first generation of our own fabricated electrodes, short, highly 

complementary strands of DNA were used for linking GNPs directly to electrodes without a 

biological intermediary between the two. This simplification increases the chances of successful 

binding allowing for better characterization of surface coverage and binding efficiency. Thiol-

modified DNA was purchased from Integrated DNA Technologies. A sequence consisting of 

adenine for binding, called Poly-A was used to bind to nanoparticles. The sequence for Poly-A is: 

/5ThioMC6D/CCCCCCCCCCCCCCCCCCCCCCCCCAAAAAAAAAAAAAAAAAAAA. 
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Here, as is standard for DNA naming, the sequence is ordered from the 5´ end of the DNA to the 

3´ end. “A” stands for a single adenine base, and “C” is for cytosine bases. “/5ThioMC6D/” 

denotes a thiol modifier on the 5´ end of the DNA. This adds a thiol group that can be attached to 

gold in the gold nanoparticles. Although the adenines in the sequence are used for binding to the 

complementary strand, the cytosine bases are there as “spacers” keeping neutral unbound DNA on 

the section of the sequence that is closest to the GNP. This serves to space out the binding area 

from the nanoparticles and other Poly-A strands, increasing binding efficiency. The sequence of 

the complementary strand, called Poly-T, was similar, except with fewer “spacer” cytosine bases, 

and thymine bases rather than adenine bases. The sequence for Poly-T is: /5ThioMC6-

D/CCCCCCCCCCTTTTTTTTTTTTTTTTTTTT. These strands were attached to the gold 

electrodes. During binding experiments, Poly-A on modified GNPs binds to Poly-T on the 

electrodes. 

 

4.4.2. Poly-A/Poly-T Experiments with BVT Conductivity sensors 

 The first Poly-A/Poly-T experiments were done on interdigitated gold conductivity sensors 

from BVT Technologies (see Figure 2.10). These electrodes have much larger digits and gaps than 

even the ACEA e-plate electrodes, but could be connected directly to an impedance meter (as 

opposed to the proprietary RT-CES system). Impedance measurements were taken with the 

Agilent LCR meter set at 10 kHz.  

 For these experiments, first the nanoparticle probes were made (as described previously) 

and the thiol-modified poly-T DNA strands were attached to the gold electrodes (in a same way 

the poly A is attached to the gold nanoparticles). After the poly-T is given time to attach, the excess 

solution was removed from the electrodes and some of the prepared nanoparticle probes were 

added. Control electrodes were also tested, usually either without the attached poly-T strands or 

without adding nanoparticle probes. Therefore, the control samples should not have any bound 

nanoparticles. Generally, impedance measurements were taken for each sensor electrode at this 

point and again after the probes were given time to attach (after about half an hour). 

After the excess nanoparticles were removed, a fixed charge was added to the nanoparticles 

using the attached PEG and a high pH background buffer. For these experiments, PBS buffer with 
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a pH of 8.0 is used to add this charge, but the conductivity of this buffer is so high that it 

overwhelms any change due to the nanoparticles. To remove this effect, the electrodes are washed 

twice with water so that a difference can be seen between the tested electrodes and the controls. 

 These results (presented back in Figure 2.11) show that there is a measurable change caused 

by charged nanoparticles bound to gold IDEs. These results are also consistent with simulations 

for nanoparticles bound to electrodes, with an overall decrease in impedance. There were some 

issues with this type of test however. The high concentration PBS required for distinguishing the 

change caused by nanoparticles is so conductive that it reduces the impedance itself (as seen in 

point 2 on Figure 2.11). This required washing out the electrode with water, but washing once was 

often not enough to remove this effect (point 3 in Figure 2.11). After two rounds of washing the 

electrode with water the difference caused by the nanoparticles can be seen. The issue here is 

inconsistency. Washing too many times removes the effect altogether, and not washing enough 

leaves the difference indistinguishable. Therefore, while this was a good proof-of-concept for the 

chemistry, this is not a practical solution for a working biosensor. 

 As an alternative, experiments were done without the high concentration pH 8.0 PBS. 

Instead, a low concentration neutral buffer was used for all measurements. These experiments had 

the exact same DNA binding and nanoparticle attachment steps, except all measurements were 

done in the low concentration buffer, eliminating the need for excessive washing steps. The buffer 

used in these cases was a 0.15mM concentration of KCl salt dissolved in water.  

 Even on the larger “e-plate” electrodes, a measurable change impedance is observed 

between electrodes with bound nanoparticles compared to controls (as shown in the graph 

presented in Figure 2.12). However, these results are not as repeatable, and can vary by large 

amounts (though this could be due to the large dimensions of the electrodes, which would decrease 

the sensitivity). 

 This same experiment was therefore repeated once microfabricated gold electrodes were 

made on glass with much smaller dimensions (20 µm digits with 10 µm gaps, Electrode A from 

Table 3.3). The same binding procedure with poly-A and poly-T with nanoparticles was used. In 

addition to impedance measurements, AFM imaging was done on the electrodes. 
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Figure 4.4: AFM image of gold nanoparticles bound to a gold electrode digit via complementary 

DNA sequences. The large yellow area is the gold digit, the red area is the glass between digits 

and the lighter yellow dots are bound nanoparticles. 

 

 AFM imaging showed nanoparticles bound only to electrode digits and not between. This 

confirms that the binding method used is specific to binding only to gold. Even with these results, 

unfortunately the impedance results were not consistent enough. Even after repeated experiments 

there were no major changes in impedance with nanoparticles compared to without nanoparticles. 

Tests were done with larger concentrations of nanoparticles and DNA, but even with confirmed 

binding with AFM imaging, still no meaningful, consistent changes. It was therefore necessary to 

refine the design. After further research and simulations (see Chapter 3), it was decided that 

binding nanoparticles between electrode digits rather than on top should be a better design and 

lead to more sensitive and consistent results. 

 

4.5.  Electrode Substrate Binding 

 In Chapter 3 it was shown that gold nanoparticles bound between electrode digits can have 

a much greater impact on the impedance of the interdigitated electrodes than if the nanoparticles 
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are bound to the gold electrode digits themselves. While on the simulations this change is as easy 

as moving the positioning of the nanoparticles, in practicality this proved much more difficult. To 

bind MREs to the substrate between electrodes, different methods often involving multiple steps 

and surface treatments were necessary. Several different methods were explored for different 

MREs, but many involve similar first steps, treatments, and some basic modifications.  

4.5.1. APTES Surface Modification of SiO2 Substrates 

 (3-Aminopropyl)triethoxysilane (APTES) was chosen as an intermediary molecule 

between the silicon dioxide substrate and bound MREs/GNPs. One end of the APTES molecule 

binds via silane chemistry to the -OH groups on the surface of the silicon dioxide substrate and the 

other end of the APTES terminates with an amine group (NH2) which can be used to bind to a 

variety of functional groups on other linker molecules or directly on antibodies or other MREs.  

 

Figure 4.5: Schematic of APTES binding to a prepared silicon dioxide surface. The amino 

functional group on the APTES is used as an anchor for binding MREs to the spaces between 

electrode digits. 

Initial tests with APTES binding were to directly bind modified GNPs to electrodes (as mentioned 

in previous chapters). There were several motivations for these tests including: comparting results 

directly to simulations, simplifying the tests by removing biological molecules and MREs, and 

characterizing measurement parameters and each modification.  
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 The first step in APTES modification of any of the electrodes is to treat the surface with 

oxygen plasma. Oxygen plasma is commonly used to “prepare” surfaces for modification [125]. 

Without oxygen plasma, the surface of the silicon dioxide exists in varied states with terminating 

-OH groups, or bonding oxygen at the surface (Figure 4.6 a). The addition of energy from oxygen 

plasma causes reactions with break oxygen bonds and provides uniform coverage of the -OH 

groups required for APTES modification. This effect does not last long however (several hours or 

so), so APTES must be added immediately after the oxygen plasma treatment. For both aluminium 

and gold electrodes (on silicon dioxide substrates), oxygen plasma was applied at 1torr O2 pressure 

for 10 minutes at low voltage.  

 Immediately after oxygen plasma treatment various concentrations of APTES (in ethanol) 

are added to each electrode and left to incubate refrigerated (to prevent evaporation of the ethanol) 

for two hours. After this the APTES solution is washed with ethanol several times and dried. The 

different concentrations tested were 2, 5, 7, 10, and 20% V/V. The motivation for testing various 

concentrations was to attempt to optimize the APTES surface coverage. More APTES coverage, 

and equally importantly more uniform coverage over the surface, should result in more binding 

sites available for GNPs, which should result in a more sensitive sensor. However, too much 

APTES (as will be seen soon) oversaturates the surface and can lead to aggregation of APTES. 

Once modified with APTES, electrodes can be stored at room temperature until they are used for 

further modification or testing. In the case of direct GNP attachment tests, further testing came in 

the form of directly binding modified GNPs. 

 

4.5.2. Synthesis and Modification of GNPs7 

  Synthesized GNPs used for sensor experiments were made using the Turkevich-Frens 

method [126] using using trisodium citrate dihydrate (TSC) (purchased from Sigma-Aldrich) as 

both as reducing and dispersion agent. Hydrogentetrachloroaurate trihydrate (HAuCl4.3H2O) (99.9 

% Aldrich) was used as a gold precursor. The GNPs were characterized by transmission electron 

microscope imaging. Characterization of these GNPs showed a consistent diameter of 16nm.  

                                                 
7 Gaser Nagah is a very talented chemist who worked with me in the lab and created the GNPs used in these 

experiments. 
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(a) 

 

(b) 

 

 

 

(c) 

 

(d) 

Figure 4.6: (a) Silicon IDE chip after microfabrication. Silicon dioxide substrate has reacted with 

oxygen in the air, but not always in the same fashion. (b) Oxygen plasma removes the silicon oxide 

layer and it is replaced with hydroxy groups. (c) Hydroxy groups are used as binding sites for the 

APTES, which have a free amine group. (d) GNPs are bound to the APTES using EDC/NHS 

chemistry.  

 

The prepared nanoparticles were next modified with 11-Mercaptoundecanoic acid (MUA) 

to provide a -COOH functional group that can be used as a binding group to bind to amine groups 

on MREs or directly to APTES. MUA binds via thiol binding to the gold of the GNPs (described 

previously). The surface functionalization of the GNPs was carried out as follows. To a 5ml of 

GNPs dispersion of estimated concentration 0.22 µM GNPs, a 5mL aqueous solution consisting 

of 2mM Poly(ethylene glycol) methyl ether thiol molecular weight 800 (Aldrich) and 2mM of 

MUA (Aldrich) was added drop wise. The concentration of MUA was selected to be 20% (V/V). 

The reaction solution was stirred overnight to ensure sufficient functionalization of the 
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nanoparticles. Then the MUA-GNPs were collected by centrifugation at 13000rpm for 10 minutes 

and resuspended in Milli-Q water. The last two steps were repeated two more times to completely 

remove the unbound thiol compounds. GNP functionalization was evaluated by zeta potential 

measurement (Zetasizer Malvern) and nuclear magnetic resonance (NMR). 

4.5.3. GNP/APTES Direct Detection Tests8 

 For tests without MREs and biological molecules, MUA-GNPs were bound directly to 

APTES bound to the silicon dioxide substrate between IDE electrode digits using EDC/NHS 

chemistry [127]. The general procedure for these tests is shown in Figure 4.7. After oxygen plasma 

treatment and APTES modification, the impedance of the electrodes was taken over a range of 

frequencies. This not only confirmed and characterized the APTES modification, but also served 

as a baseline for comparisons after GNPs are added. For MUA-GNP APTES binding the 

carboxylic group at the nanoparticle’s surface was activated by the addition of 30mM N-

Hydroxysuccinimide (NHS) (Aldrich) and 15 mM N-(3-Dimentylaminopropyl)-N´-

ethylcarbodiimide (EDC) (Sigma-Aldrich) 15 mM. A polydimethylsiloxane (PDMS) template 

cover with 8 well was fixed over the chip, where each well set directly over each IDEs. Later after 

that, 50 µL of the activated MUA-GNPs were added in each well and the IDEs were incubated 

overnight to complete the binding. The GNPs solution was discard from each well and all IDEs 

were washed several times with Milli-Q water removing unbound GNPs. The concentration of 

GNPs was kept high enough to be in excess of the APTES, assuring that the APTES concentration 

will be the limiting factor for binding sites on the electrode. Once nanoparticles were added, left 

to bind, and washed, a second impedance measurement was taken for each electrode. The result of 

this measurement was then compared to the previous result. Further surface imaging was done 

using AFM imaging to check for bound nanoparticles and APTES characterization.  

 

                                                 
8 Again, my appreciation goes to the lab chemists Gaser Nagah and Donghai Lin for their work on surface 

modification of the electrodes. Also to Marcus Tamura (summer student) and Zhimin Yan (NINT researcher) for all 

of their help with these experiments.  
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Figure 4.7: Overview of APTES tests. Electrodes are prepared and modified with APTES, then 

GNPs are chemically attached. Impedance measurements and AFM imaging was done before and 

after the addition of GNPs.  

 

Figure 4.8: Scanning electron microscope image of 13nm gold nanoparticles bound to a silicon 

dioxide substrate.9 

 

                                                 
9 A big “thank you” to Nikola Pekas, a NINT researcher who I worked with on the binding chemistry scheme and 

who took this AFM image using a NINT AFM. 
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4.5.4. GNP/APTES on Aluminum Electrodes 

 Figure 4.9 shows a representative set of measurements for one electrode before and after 

nanoparticles are added (with a 5% APTES concentration) on an aluminum IDE chip (Electrode 

D from Table 3.3). The aluminum electrodes used for these tests were designed with 4 µm digit 

width with 2 µm spacing between adjacent digits. As seen from these results, the addition of bound 

nanoparticles increases the impedance magnitude and decreases the phase. These results are 

consistent with previous simulations (see Chapter 3). Figure 4.10. shows accumulated results of 

multiple GNP/APTES tests on aluminum electrodes with varying concentrations of APTES 

(ranging from 2%-10%). These results are presented as the percent difference in the impedance 

magnitude before and after GNPs are bound. Error bars in the graph are from repeating the APTES 

concentration on three separate electrodes. As seen here, although the difference in impedance 

increases as the APTES concentration increases from 2% to 5%, higher concentrations of APTES 

have a smaller change and have much larger standard deviations. This indicates that if the APTES 

concentration is too high it can limit the available binding sites for GNPs (more on this in the 

following sections). 

 

Figure 4.9: Representative impedance spectrum results for an aluminum IDE (Electrode D from 

Table 3.3) before and after GNPs are attached. Red lines are after APTES modification (before 

GNPs). Blue lines are after GNPs were added. Solid lines are impedance magnitude measurements, 

and dotted lines are impedance phase. 
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Figure 4.10: Accumulated results of APTES-GNP tests on aluminum electrodes (Electrode D from 

Table 3.3). Each bar represents a different concentration of APTES and the percent difference 

value is calculated as the percent difference in impedance magnitude between impedance 

magnitude measurements before and after GNPs are bound (measurements taken at 100 kHz).  

As seen in Figure 4.10, there is no statistical difference between the 2%, 7%, 10%. This 

could be due to a few factors. First, the APTES concentration may not be the limiting factor in 

detection. If the concentration of GNPs is not sufficient, it would limit how many can be detected, 

regardless of binding sites available. The second, more likely factor is variance between electrodes. 

The electrodes used in these experiments had some variation in their impedance response due to 

variations in fabrication. This had more of an effect on the gold electrodes than the aluminum ones 

as seen in the next section. 

As mentioned in the previous chapters, the purpose of aluminum electrodes was mainly to 

simplify fabrication, and take advantage of the capacitive and insulating effects of natural 

aluminum oxide layers. Compared to results on gold (see the next section) there is less variance 

between tests on aluminum electrodes, but aluminum electrodes will react with ionic solutions, 

destroying them in a matter of hours, making their application in testing biological samples limited. 
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4.5.5. GNP/APTES on Gold Electrodes 

 The same GNP/APTES tests were done on gold electrodes as well (with 4 µm wide digits 

and 2 µm spacing between adjacent digits, Electrode E from Table 3.3). Figure 4.11 shows a 

typical result before and after the addition of GNPs. While the values are different than the results 

for aluminum electrodes, the overall trends are the same, with GNPs causing an increase in 

impedance magnitude and a decrease in phase.   

 

Figure 4.11: Representative impedance spectrum results for a gold IDE (Electrode E from Table 

3.3) before and after GNPs are attached. Red lines are after APTES modification (before GNPs). 

Blue lines are after GNPs were added. Solid lines are impedance magnitude measurements, and 

dotted lines are impedance phase. 

 The accumulated results are shown in Figure 4.12. and like the results with aluminum 

electrodes, there is a measurable change in impedance of electrodes caused by the addition of 

GNPs. It should also be noted that the standard deviation in these results is larger than the results 

from aluminum electrodes. This is likely because of the challenges in gold etching during 

fabrication (wet etching gold can lead to overetching and inconsistent dimensions), or the lack of 

an insulating layer around the electrodes. 
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Figure 4.12: Accumulated results of APTES-GNP tests on gold electrodes (Electrode E from Table 

3.3). Each bar represents a different concentration of APTES and the percent difference value is 

calculated as the percent difference in impedance magnitude between impedance magnitude 

measurements before and after GNPs are bound (measurements taken at 100 kHz).  

 

 These potential explanations are both supported by AFM images taken of electrodes after 

the addition of GNPs. Figure 4.13 shows one such image taken of a gold electrode after GNPs 

were added. Large aggregations of GNPs are present on and around electrode digits [128]. 

Additionally, the dimensions of the electrodes are clearly different than what was designed, due to 

overetching in the fabrication of the electrodes. 
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Figure 4.13: GNPs clumping on and around gold electrodes (Electrode E in Table 3.3). Images 

were taken using an AFM. The image is 5 µm x 5 µm. This image also shows the effect of 

overetching on the electrode as each electrode digit is less than 4 µm and the space between them 

is larger than it should be. 

4.5.6. MUA Electrode Surface Modification Tests 

From the results of tests with aluminum and gold electrodes, it is apparent that while aluminum 

electrodes gave more stable results (likely due to the native oxide layer around the electrodes), 

gold is the only option for most applications due to its stability in ionic solutions. Therefore, it was 

decided to try to duplicate the effect of an oxide layer on gold electrodes. By adding an insulating 

layer to the gold IDEs, extra capacitance, stability, chemical isolation could be gained [129]–[131]. 

To do this, MUA was used to coat the gold, in a similar way as it has been previously reported for 

modifying gold surfaces [132], [133]. This is the same molecule used to modify the GNPs. Before 

APTES modification gold electrodes were immersed in high concentration MUA. Like with the 

GNPs the thiol group on the MUA has a high affinity for the gold on the electrode and forms a 

self-assembled monolayer on the gold surfaces of the electrode. After MUA modification, the same 

APTES/GNP test was performed, with the hope that the MUA would provide extra stability to the 

measurements, and prevent GNP aggregation on the electrodes. 
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Figure 4.14: Representative impedance spectrum results for a gold IDE (Electrode E from Table 

3.3) modified with MUA before and after GNPs are attached. Red lines are after APTES 

modification (before GNPs). Blue lines are after GNPs were added. Solid lines are impedance 

magnitude measurements, and dotted lines are impedance phase. 

 

Figure 4.14 shows representative results of APTES/GNP tests on MUA-modified gold electrodes. 

In general, results are as expected, with a slight increase in the percent difference in impedance 

magnitude and a slight decrease in phase. This indicates that the added MUA had the intended 

effect of isolating the gold and stabilizing the measurements. (Note: experiments using MUA-

modified electrodes are ongoing) 
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Figure 4.15: Representative AFM image of a gold electrode (Electrode E from Table 3.3) modified 

with MUA, APTES and GNPs. Nanoparticles are present between the electrode digits and 

dispersed without aggregation. The image is 10 µm x 10 µm. 

 

 

4.5.7. APTES Binding Issues 

 The results of the previous tests using APTES showed a sharp decrease in effectiveness as 

the concentration is APTES increased leading to the hypothesis that too much APTES inhibited 

the formation of uniform surface binding and limited GNP binding sites. Additionally, a large 

amount completely and irreversibly shorted out electrodes. Figure 4.16 shows one such result, 

where a high concentration of APTES was used. Right after the addition of APTES the electrode 

showed signs of acting more like a resistor than a capacitive system (near zero phase and 

impedance magnitude mostly independent of frequency). The results were exactly the same after 

the addition of GNPs, meaning either they did not bind to the electrode or their effect was 

overshadowed completely by the APTES.  
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Figure 4.16: Representative impedance spectrum results for a gold IDE (Electrode E from Table 

3.3) before and after GNPs are attached with a high concentration (20%) of APTES used. Red 

lines are after APTES modification (before GNPs). Blue lines are after GNPs were added. Solid 

lines are impedance magnitude measurements, and dotted lines are impedance phase. 

 Upon inspection using AFM, the reason for this became clearer. When higher 

concentrations of APTES were used (10% and 20%), large amorphous clumps can be seen 

covering the electrodes. These cover all areas of the electrodes, bridging the gaps between the 

electrode digits. This is the cause of the results seen in Figure 4.17.  

                        

Figure 4.17: AFM images of interdigitated electrodes modified with “10%” (left) and “20%” 

(right) APTES as well as 13 nm GNPs. Each image is 5 µm x 5 µm. These images show aggregated 

APTES on and between electrode digits and aggregated GNPs. This non-uniformity is the likely 

cause of the widely varying impedance measurements for electrodes with higher concentrations of 

APTES. 
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4.6.  Antibody/protein Tests 

All tests up to this point have been proof of concept tests in various forms. Tests have been 

done to detect bound nanoparticles, but without biological recognition in between. Therefore, the 

next step in testing would be to use what was learned up to this point to detect a biomolecule with 

clinical relevance using the sensor system. While the design of the sensor is such that many 

different substances could potentially be detected, we wanted to find something that would be: 1) 

easy to detect in quantities that are biologically relevant (levels that would be found in real 

biological samples), 2) well characterized and understood, 3) something with a standard test 

already used that could be used for comparison, 4) well defined molecular recognition elements 

readily available, and 5) sensing this biomolecule would have a practical use and need in health 

care applications. A biomolecule that fits with these criteria was found through a collaboration 

with Dr. Rachel Khadaroo at the UofA hospital. Her research has found that Intestinal Fatty-acid 

Binding Protein (I-FABP) is a strong diagnostic marker of acute mesenteric ischemia (an indicator 

for bowel damage) [134]. There is currently a standard ELISA that uses readily available anti-I-

FABP antibodies for testing. The clinical relevance for using this biosensor system rather than the 

ELISA is time. While the ELISA is adequate in detecting relevant amounts of I-FABP, the test 

takes over 4 hours to complete [135], and takes a trained professional to carry them out. This is 

too long to be clinically relevant, as a positive test for bowel death would require immediate 

surgery. The designed biosensor, depending on the configuration of the test, would take much less 

time (~2 hours or less), and be much less labor intensive. Therefore, detecting I-FABP became the 

first model biomolecule for testing this system. 

Tests for protein detection are ongoing, and the particulars of the experimental procedure 

are constantly evolving. Example results from recent tests are shown in Figure 4.18 which shows 

results from one electrode with bound capture antibodies, 2ng/mL I-FABP, and GNPs modified 

with a secondary antibody for I-FABP. The results shown here are before and after nanoparticles 

were added. The results here are very similar to the results of the APTES/GNP experiments, with 

an overall increase in impedance magnitude, and a decrease and shift in phase. This indicates that 

both nanoparticles are bound to the electrode, and that the protein (at 2ng/mL) has successfully 

been detected. 
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Figure 4.18: Impedance measurement results on an electrode (Electrode E from Table 3.3) before 

and after the addition of IgG modified gold nanoparticles. The green (impedance magnitude) and 

purple (impedance phase) lines correspond to the results before the addition of nanoparticles. The 

blue (impedance magnitude) and red (impedance phase) lines correspond to results after the 

addition of nanoparticles.  

In order to eliminate the possibility of non-specific binding (i.e. nanoparticles stuck to the 

surface electrode and not binding to the proteins on the electrode), negative control electrodes were 

also tested. In these cases, all steps were kept the same for nanoparticle and electrode modification, 

but no I-FABP was added. Nanoparticles modified with antibodies were still added to the 

electrodes, the same washing was done afterwards to remove unbound GNPs from the surface. 

Impedance measurements were taken before and after the addition of GNPs (and washing). Figure 

4.19 shows the results of the negative control test. Here, while there is a slight change in impedance 

magnitude and phase, which may be accounted for from some non-specific binding, or 

measurement error. Overall this change is not nearly as significant as with the positive test (an 

approximate 100% change in impedance magnitude compared to only about 20% for the negative 

control. 
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Figure 4.19: Impedance measurement results on an electrode (Electrode E from Table 3.3) before 

and after the addition of IgG modified gold nanoparticles without the addition of I-FABP, acting 

as a negative control. The green (impedance magnitude) and purple (impedance phase) lines 

correspond to the results before the addition of nanoparticles. The blue (impedance magnitude) 

and red (impedance phase) lines correspond to results after the addition of nanoparticles.  

 Testing for I-FABP has continued to the stage of measuring different concentrations of I-

FABP suspended in synthetic human urine. The urine was spiked with 1, 2, 3, 4, 5,  and 7 ng/mL 

of I-FABP. The urine was tested using the same procedure shown above, where electrodes were 

modified with antibodies, the urine was deposited on the substrates and washed with modified 

GNPs. Impedance measurements were taken on the modified electrodes and after the addition of 

GNPs. Figure 4.20 shows very early results from a test of varying I-FABP concentration (note: 

because these results are so new at the time of writing this, there is not enough data for a full 

statistical analysis). These results were obtained by taking the difference in the impedance 

magnitude value measured at a single frequency (100 kHz). They show a linear trend in the change 

in impedance magnitude as the concentration of I-FABP increases. Overall, these results are meant 

to demonstrate the utility of using this system as a practical biosensor. Here, proteins in synthesized 

human urine were detected at concentrations that are relevant to the diagnosis of actual serious 

health conditions. 
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Figure 4.20: Preliminary results of varying I-FABP concentrations. Results are expressed as the 

difference in impedance magnitude measured at 100 kHz from an initial measurement on a 

modified electrode and then one after the electrode was exposed to synthetic human urine spiked 

with I-FABP and MRE modified GNPs. A best fit line shows there is a linear trend in increasing 

protein concentration and impedance change. 

 In addition to impedance testing, electrodes modified and tested for I-FABP were imaged 

and characterized using AFM imaging. Figure 4.21 shows three AFM surface plots of the silicon 

dioxide space between electrode digits at different stages of surface modification and testing. 

Figure 4.21 a. shows a bare, unmodified electrode, and as expected, the surface is very smooth 

with less than 2nm of variation over the surface. Figure 4.21 b. shows a similar section after the 

electrodes were modified with antibodies. This section shows more overall roughness, and some 

comparatively large “clumps”. Figure 4.21 c. shows another section after I-FABP and GNPs were 

added. There is even more variation and overall roughness in the image indicating that there are 

additional bound entities on the surface. These images show the progression of the modification 

steps and along with the impedance measurements show the surface chemistry and detection 

mechanism of this sensor system. 
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Figure 4.21: AFM surface plots of a section of the silicon dioxide substrate between gold electrode 

digits (Electrode E from Table 3.3) during modification for detecting I-FABP. Each section is a 2 

µm x 2 µm area with a vertical scale of 50 nm (shown by the colour scale bar). a) an unmodified, 

bare electrode. b) modified with antibodies. c) after the addition of I-FABP and GNPs. 

 

50nm 

50nm 

50nm 

a. 

b. 

c. 



97 

 

4.7.  Conclusion 

 This chapter covered the techniques used to bind molecular recognition elements and GNPs 

to IDEs, as well as characterization and detection of the modifications. The synthesis and surface 

modification of nanoparticles was discussed, along with techniques used in early experiments in 

modifying electrode digits. More complex binding schemes had to be devised for binding 

nanoparticles between electrode digits, but measurement results showed that (as the earlier 

simulations indicated), this lead to more sensitive detection. Finally, a full design was tested for 

detecting a clinically relevant biomolecule. At the time of writing this, tests are continuing 

focusing on refining surface modifications, and detecting other biomolecules. 

 The original goal of this research, to keep things in perspective, is to make a versatile, 

handheld, inexpensive biosensor device. The design and experiments discussed so far cover the 

detection mechanism, versatility, and effectiveness of this system. What hasn’t been discussed 

(yet) is the sensor itself. Impedance measurements have generally been taken on large tabletop 

electrochemical analysis equipment, and while these tools have been invaluable, they are not 

exactly inexpensive or portable. The next chapter focuses on the hardware design of the sensor 

and the creation of a specialized impedance measuring circuit and software to act as the biosensor 

itself. 
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Chapter 5 : Hardware 
5.1.  Introduction 

The first four chapters of this thesis have focused on the mechanism proposed for this 

sensor, and with good reason. It was a laborious process to design a system for measuring small 

amounts of analytes, and make each of the disparate components involved work together to prove 

the proposed concept. And while many components had to be designed and made from scratch, 

existing equipment was, up until this point in the research, used for taking impedance 

measurements. Many devices exist that were appropriate for the tasks required, such as the RT-

CES cell counting system, LCR meters, or electrochemical work stations. However, the main goal 

of this research was to create a portable, easy to use, and inexpensive biosensor, and none of the 

devices used previously for measurements fit these qualifications. The natural conclusion is that 

an entirely new device had to be designed and created. There have been other, similar designs 

proposed for impedance measurements in biological applications as well [136], though these are 

often specifically designed for certain applications. 

Beyond the basic metrics of properly measuring impedance, reliability, cost, and size, there 

are many other considerations to take into account. The concept is for the biosensor to be used by 

either medical personal with limited training, or eventually anyone. It should therefore be easy to 

use, and the results should be clear and not require excessive interpretation. This means that the 

device itself should take measurements, calculate results, and display/save results on its own. The 

impedance measurements made by the device must be sensitive and precise enough to distinguish 

between relevant numbers of nanoparticles bound to electrodes. The device has to operate within 

an applied frequency range for optimal measurements. The voltage applied to electrodes during 

measurement has to be kept low enough to ensure no electrochemical reactions take place [42], 

[65].  

In the most basic sense, impedance is the AC form of resistance. Where a resistor causes a 

voltage drop across it, an impedance causes an AC voltage drop as well as a phase shift. To 

measure total impedance either the real and imaginary components of the impedance have to be 

measured, or the impedance magnitude and phase. Impedance meters apply a known AC current 
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or voltage to a load, then measures the corresponding AC voltage or current, respectively, from 

this measurement, the complex impedance of the load can be found. 

5.2.  Biosensor Device Design10 

Due to the initial design constraints on the device, certain decisions were made for the 

initial biosensor design. Most significantly, for size, ease of use, and cost considerations, the 

decision was made for the computation and display of the device to be offloaded to a smartphone 

platform. Using a custom app and Bluetooth connection, the sensor device could send raw data 

directly to the app, where it could be interpreted and presented, saved, or sent. This decision also 

helps reduce design complexity, using existing hardware in the final device. Other early 

considerations were the desired frequency range, between 10 kHz and 1MHz, with a focus on 

measurement accuracy at 100 kHz. It was also known that the input voltage on the electrodes has 

to be kept below 300 mV to stop electrochemical reactions from happening on the electrodes. In 

electrochemical sensing, where electrochemical reactions are caused by applied voltages for 

detection, generally 1-2 V is applied, with reactions occurring between 0.4 V-0.9 V [42], the 

voltage applied here is set well below that at 100 mV to prevent the possibility of any such 

reactions influencing the system or impedance results. The biosensor device itself is separated into 

five parts: the voltage source, impedance magnitude detection, impedance phase detection, and 

processing. Figure 5.1 shows a basic block diagram for the complete system. 

                                                 
10 A big thanks to the lab’s “hardware team” for their hard work on perfecting the electronics for the sensor. This 

includes Ryan Corpuz, Ben Flanders, Ian Prescott, Mihai Esanu, Xiaojian Yu, Allison Chen, and Samuel Lehmann. 

Each of them was invaluable in adjusting, testing, and assembling hardware, as well as designing the software that 

runs the device. While the initial design specifications as well as the impedance detection strategy were mine, the 

rest of the team’s support was necessary to take it to the level that it is now. 
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Figure 5.1: Basic block diagram for the entire device.11 

The voltage source generates an AC voltage at a known amplitude and frequency (with a 

tunable frequency range) and passes it through a voltage divider between a known resistance and 

the electrode that is to be tested. The impedance magnitude detection portion measures the drop in 

voltage amplitude caused by the electrode. The phase detection portion measures the phase delay 

in the voltage signal caused by passing through the electrode. The information gathered from both 

components are used together to calculate the total impedance of the electrode. Finally, the data is 

used to find the impedance data for the electrode and display it on the control app. 

 

                                                 
11 Thanks to Ryan Corpuz for putting together this block diagram. 
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5.2.1. Voltage Source and Voltage Divider 

Electrodes
X:Vx

Y:VY

Rm
Z

AC

Impedance 
measurement 

circuit

 

Figure 5.2: Layout of the voltage source and voltage divider. In this figure, the electrode is 

represented by an equivalent circuit.  

 

A sine generator chip with a frequency range between 100 Hz and 1 MHz (the AD9837 

Programmable Waveform Generator by Analog Devices) was chosen as the AC source for circuit. 

The voltage amplitude of the source is 600 mV. The output of the AC source is passed to both the 

impedance measurement circuit as a reference signal, and to the electrode. Before passing through 

the circuit, the voltage is stepped down to 100 mV and is stepped back up to 2 V after. This low 

input voltage prevents electrochemical reactions on the electrode. The voltage divider, as shown 

in Figure 5.2, consists of the electrode (represented by an equivalent circuit) in series with a known 

resistor (2 kΩ).  

 

5.2.2. Impedance Magnitude Detection 

 The impedance magnitude measurement portion of the design operates by comparing the 

voltage amplitude change before and after the input voltage passes across the voltage divider. To 

do this, first the step is measuring the voltage amplitude of the signals. This is accomplished by 

using an open loop peak detector. This circuit, shown in Figure 5.3, is based on previously reported 

design [137] which consists of an op amp-based half wave rectifier and a capacitor filter. The 

rectifier isolates the positive component of the AC voltage and the parallel RC components smooth 

out the waveform, resulting in a DC voltage output equal to the initial amplitude of the input AC 

voltage. The RC time constant of the capacitor filter determine the time delay in the signal and the 

variation in the value. These values were chosen to provide minimal error, while still providing 

enough responsiveness for reliable measurements (found through testing to be: R0=1.19 MΩ and 
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C=2.2 µF). Some changes were made to the initial circuit design including low voltage “stabistor” 

diodes, and an output buffer to help isolate the circuit and mitigate the effects caused by the low 

input impedance of the ADC at the output of the detector. 

 

Figure 5.3: Circuit diagram for the open loop peak detector used for impedance magnitude 

detection. 

 

Figure 5.4: Left: Input AC voltage into the peak detector. Right: Resulting output (black line) and 

the output of the half wave rectifier (red dotted line). By changing the RC parameter of the circuit, 

the variation between the “capacitor charging” and “capacitor discharging” voltages can be 

reduced, resulting in a DC voltage at +Vmax. [138] 

 The input into the peak detector switches between the direct output of the AC source, and 

the signal after it has been passed through the voltage divider (the electrode) and stepped up. The 

output result is therefore DC voltages corresponding to the amplitude of the input voltage and the 

output voltage. The reason for using a switch and a single peak detector is to both save on board 

space and components, but more importantly to reduce errors in measurements that could be 

caused by the signals passing through different components. By using a single peak detector, any 

errors will not be compounded between the two signals. 

This system does not measure the exact impedance magnitude of the electrode itself, but 

rather the total impedance magnitude of the combined voltage divider circuit (the electrode in 
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series with the known resistance, here called Rm). The information from the phase detection circuit 

is used to isolate the exact impedance value of the electrode itself. 

 

5.2.3. Impedance Phase Detection 

 The phase detection portion of the impedance measurement circuit consists of two high 

speed comparators and an XOR gate (Figure 5.5). The comparators are configured as zero cross 

detectors (output a “1” when the signal is above the zero point, and “0” if the signal is below). The 

inputs of the comparators are the AC source signal, and the signal after the electrode, which results 

in a phase shift based on the phase of the electrode impedance. The output of both comparators are 

the inputs for the XOR gate.  

 

Figure 5.5: Circuit diagram for the phase detection portion of the circuit. 

This way, the output of the XOR gate is “1” if one of the voltages is positive while the 

other is negative, and “0” otherwise. Therefore, the duty cycle of the XOR gate is directly 

proportional to the phase shift between the two signals. Figure 5.6 shows a general example, where 

the delay in phase between the two signals is reflected by the amount of time the output of the 

XOR gate is “1”. For an example, if there was no phase change (purely resistive load), there would 

be no time that one of the signals is positive while the other is negative, so the output of the XOR 

gate would always be “0” (0% duty cycle). Conversely, a 180 degree phase shift would mean that 

one signal would always be positive while the other is negative, meaning the XOR gate would 

always be “1” (100% duty cycle). The RC lowpass filter on the output of the XOR gate filters the 

output to a DC signal that can be read by the ADC. Since there is no distinction between the two 
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signals in the design, there is not a clear way to measure the sign of the phase shift, however, since 

all loads on the system are capacitive in nature (due to the structure of the electrodes), all phase 

changes are assumed to be negative.  

 

Figure 5.6: General example of the principle for phase detection. The phase delay in the two signals 

is reflected in the duty cycle of the XOR gate. 

5.2.4. Data Processing and Output 

 

Figure 5.7: Generalized circuit diagram for the entire impedance measuring circuit combining the 

AC source, electrode voltage divider, magnitude detection, phase detection, and microcontroller. 

For the sake of simplicity, two peak detectors are shown, though just one with a switching input is 

used in the final design. 

 The previous two sections show how the circuit takes the input AC voltage, passes it 

through the electrode load, and outputs three values to the microcontroller: the unaltered voltage 

amplitude of the original AC input (|𝑉𝑥|), the amplitude of the voltage after the signal passed 

through the voltage divider with the electrode (|𝑉𝑌|), and the phase change (𝜃1). Using these values 
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along with the known voltage divider resistor value (Rm), the total impedance of the electrode (Z) 

can be found. From the voltage divider, the relationship between |𝑉𝑥| and |𝑉𝑌| is: 

|
𝑉𝑦

𝑉𝑥
| = 𝐺 =

𝑅𝑚

√(𝑅𝑚+𝑅𝑧)2+𝑋𝑍
2
        (5.1) 

Here, the ratio of the voltage magnitudes is defined by G, which will be used in later equations. 

Like any voltage diver, the ratio of the voltage before and after the voltage divider is equal to ratio 

of the resistor Rm and the sum of the electrode impedance and Rm. Here however, the magnitude 

of this ratio is taken, and the impedance, Z, is broken down into resistive component, Rz and its 

reactive component, Xz.  

 A similar procedure can be done for the phase change: 

𝑉𝑦∠𝜃1

𝑉𝑥∠0
=

𝑅𝑚

(𝑍+𝑅𝑚)∠𝜃2
         (5.2) 

Here the voltages and impedances are expressed as phasors, with the phase of the input signal set 

to 0, so the phase angle after the electrode divider is equal to the total phase shift, 𝜃1. Since the 

resistor Rm, is just that, there is no phase change so the phase of the combined impedance of the 

electrode and Rm, 𝜃2 is equal to −𝜃1. Next, the phase angle for the voltage divider can be expressed 

as the ratio of the reactance and combined resistances: 

tan(𝜃2) =
𝑋𝑍

(𝑅𝑚+𝑅𝑧)
         (5.3) 

This can be substituted back into the first equation which can then isolate Xz: 

𝑋𝑍 =
𝑅𝑚

𝐺√
1

tan2(𝜃2)
+1

         (5.4) 

From these equations and the relationship between 𝜃2 and 𝜃1, the previous equation can be 

simplified as: 

|𝑋𝑍| = |
𝑅𝑚

𝐺
sin⁡(𝜃2)|         (5.5) 

Substituting this back into the previous equation, an expression for the resistance of the electrode 

can be found: 
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𝑅𝑧 = 𝑅𝑚 (
𝑐𝑜𝑠(𝜃2)

𝐺
− 1)        (5.6) 

The total impedance Z is the vector sum of RZ and XZ, and each can be calculated using the known 

resistor Rm, the measured voltage amplitudes, Vx and VY, and measured phase shift. 

5.2.5. Smartphone App Design12 

 In keeping with the goal of making the biosensor inexpensive and portable, smartphone 

and tablet apps were designed for the purposes of controlling the device, processing measurements, 

and displaying data. 

 

 

Figure 5.8: Screenshots of the impedance board control app running on an Android smartphone. 

Left: the control panel is used to select which IDEs on a chip will be measured, the set 

measurement time or frequency ranges, and for connecting to the impedance sensor. Right: the 

displayed results of an impeacne measurement for two IDEs (measured at the same time). This 

includes both the magnitude and phase of the impedance measured over a frequency range. 

 The app connects with the impedance board using a Bluetooth connection. The two main 

functions of the app are to control impedance board, and to interpret and display results from the 

                                                 
12 Of all of the different components to this entire biosensor, from chemistry to microfabrication, to circuit design, I 

had the least direct involvement with making the app. I described the app specifications (what it should look like, 

what it should do, etc.) and tested the app, but the majority of the programming was done by Ryan Corpuz, Ben 

Flanders, Allison Chen and Samuel Lehmann. There wouldn’t be an app without them. 
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board. The “control” portion of the app selects which electrode on an 8-electrode chip is measured 

(this part controls a multiplexor on the board which passes the AC voltage signal to the electrodes), 

as well as the type of test done. Tests can either be taken over a range of frequencies, where the 

app steps through a series of frequencies from input frequency limits and takes measurements at 

each point, or taken over a period of time at one set frequency. The “display” part of the app, 

displays the data in a graph. It can overlay multiple measurements, displays both impedance phase 

and magnitude at the same time, and can export the data in the form of a spreadsheet file. 

5.3.  Noise and Error Reduction 

As with any circuit, signal noise and errors are inevitability. In the impedance measuring circuit 

noise can have various effects including inaccurate and imprecise impedance measurements, and, 

the more troublesome random variations in measurements. Constant errors, like those caused by 

inaccuracies in component specifications or constant power supply drops can be detected and 

calibrated out of the system (e.g. measuring a test circuit with a  known impedance then correcting 

the discrepancy in the software). The specifications for the device are only for a specific impedance 

range (in this case centered around 2kΩ) and frequency range (1Hz -1MHz), so components were 

chosen to function best in these circumstances. At frequencies that are too high, or loads that are 

outside the designed range, errors occur, and components stop function in expected ways 

(particularly the many op amps in the circuit which only function the way they are intended to 

below certain frequencies). 

Random noise in the circuit can be a bigger problem than constant errors. Random noise is 

random. It can cause unpredicted changes in measurement results, and if these changes are big 

enough, that can make the difference between a good result and a false reading for the biosensor. 

Particularly when trying to measure small concentration of a biomolecule. Because of this required 

accuracy, steps had to be taken to mitigate this. During initial testing, by far the largest source of 

noise in the circuit was at the electrode itself. As mentioned previously, the voltage going to the 

electrode is stepped down to 10mV, then stepped back up the same amount immediately after. This 

reduced voltage prevents the possibility of electrochemical reactions occurring on the electrodes. 

However, when the signal is stepped up, so is any noise in that signal. This noise can be significant, 

as the electrodes themselves pick up noise, and that is compounded by the step up in the voltage. 

To mitigate this problem, two filters were added to the circuit. One before the signal passes to the 



108 

 

electrodes and one after. Since the frequency of the signal is always known, filters were used to 

remove any noise outside the designed frequency range, limiting the noise in the signal 

significantly. 

 

5.4.  Device Testing 

All of this design work would of course be useless if it did not function properly. 

Throughout the design and refinement process for the device it was tested in several different ways. 

In early stages of the design process, the circuit was tested using basic components like resistors 

and capacitors. Once the circuit was completed, testing expanded to include measuring the 

impedance of more complex circuit combinations, interdigitated electrodes, and comparing results 

directly to both handheld impedance meters and electrochemical measurement equipment. 

5.4.1. Component Tests 

 The earlier tests of the impedance circuit’s effectiveness were measuring the impedances 

of circuit components and combinations of components at a set frequency (10 kHz) and comparing 

the results directly to measurements taken with the Agilent LCR meter (U1733C, Agilent 

Technologies, Santa, Clara, CA). The accuracy of the LCR meter is stated to be 0.2%, and had 

been shown in early proof of concept experiments to be able to detect changes in impedance on 

IDEs.  

TABLE 5.1: Impedance magnitude Tests and Comparison 

Measured 

component 

Measured Impedance at 10kHz 

Circuit 

measurement 

LRC Meter 

measurement 
Error 

1k Resistor 992.35 Ω 

998.2 Ω 0.586% 

10nF capacitor 1680.15 Ω 

1710.2 Ω 1.76% 

10nF || 2.2nF 1424.18 Ω 

1449.5 Ω 1.75% 

1k Resistor – 

10nF || 2.2nF 1744.41 Ω 

1770.8 Ω 1.49% 

1k Resistor – 

10nF capacitor 1962.75 Ω 

1992.2 Ω 1.48% 

(Note: “||” refers to components connected in parallel and “–“ refers to components connected in series.) 
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 Table 5.1: shows impedance magnitude measurements for combinations of resistors and 

capacitors in the designed impedance range (around 1-2 kΩ) at the tested frequency of 10 kHz. 

The percent error between the circuit result and the LCR meter measurement is constantly less 

than 2%.  

 Next, the circuit was tested over a range of frequencies. Measurements were taken at 

several set input frequencies between 1 kHz and 100 kHz on a circuit that is representative of an 

actual biosensor electrode (the equivalent circuit as shown in Figure 5.2). The tested circuit 

consisted of a 471pF capacitor in series with a 1 kΩ resistor both in parallel with a 1759pF 

capacitor. These values were chosen as they closely simulate the actual impedance values of the 

biosensor IDEs, while giving more consistent results.  

 

Figure 5.9: Graph of the measured results from the equivalent electrode circuit over a range of 

frequencies compared to the theoretical impedance magnitude value.  

 

 Shown in Figure 5.9, the results from the impedance circuit are in very close agreement 

with the theoretical values. The largest discrepancy is at the lowest frequency (10 kHz) with an 

error of 12% (note: this measurement was on a slightly older iteration of the circuit, which has 

since been improved upon).  At higher frequencies, the error was within 3%.  
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5.4.2. Electrochemical Workstation Comparison 

 As a final, definitive test of the impedance circuit, measurements were compared directly 

to results from the electrochemical impedance spectroscopy workstation used for proof of concept 

experiments (SP-200 Potentiostat from BioLogic). The impedance of the same equivalent circuit 

for IDEs was measured with both the designed circuit and the potentiostat.  

 

 

Figure 5.10: Top: Impedance magnitude measurements from the designed circuit and the SP-200 

potentiostat. Bottom: Impedance phase measurements from the designed circuit and the SP-200 

potentiostat. 
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 As seen in the graphs in Figure 5.10, the impedance magnitude is in very good agreement 

between the two measurement devices. There is less than 1% difference through most of the 

frequencies, only deviating at higher frequencies close to 1MHz (with 7% error). The phase 

deviates from the potenitostat phase slightly more, but still only at high frequencies. These 

differences are due to the components in the circuit, such as the opamps, which begin to not work 

as designed at higher frequencies. However, these changes are not significant, as the optimal 

measurement frequencies are between 10 kHz and 100 kHz. 

 

Figure 5.11: Printed circuit board for the impedance circuit. The board runs off of an external 

power supply (with a barrel jack on the top right) and has connectors for both the electrode chips 

and the microcontroller. The board has a signal generator which passes a sinusoidal voltage 

through the electrodes, then measures the change in voltage magnitude and phase delay. That 

information is passed to the microcontroller where the impedance is calculated. 

5.5.  Conclusion 

While the bulk of design and testing of the biosensor system was carried out using 

preexisting electrochemical analysis hardware and software, it was by no means trivial to create 

an impedance measuring device that is both much smaller and much cheaper than what is currently 

available. Granted, this final device is much more focused on one specific task, measuring the 

impedance of the sensor’s custom designed electrodes, at a specific frequency range over a specific 

range of impedances. With these constraints, this device can effectively measure the impedance of 

the IDEs over all frequencies or relevance with enough accuracy to be comparable to much more 

expensive equipment. As for cost, this device is very inexpensive, even in the prototype stage it is 
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currently in. The total cost of the PCB and components is under $40 (not including the Arduino, 

Blue tooth board, and smartphone), and with further refinement both the cost and size can be 

reduced significantly. Comparing that to the cost of the portable Agilent LCR meter used for 

testing (~$300) which can only measure impedance at a few set frequencies, or electrochemical 

potentiostats (~$15000-$50000) which, while much more versatile, are much larger as well, this 

device is certainly far less expensive. 

 

Figure 5.12: The different components of the biosensor device. Bottom left: PCB board with the 

impedance measuring components. Bottom middle: A smartphone with the impedance 

measurement app running. Right: Arduino and Bluetooth board. Top middle: An IDE electrode 

chip in a connector connected to the impedance board. Top left: 3D printed case for the various 

components. 

There is still more work to do before this prototype is a finished device. This would include 

updates to the circuit board, making it smaller and incorporating the microcontroller and Bluetooth 

chip directly onto the board. Certain components can even be made into single chips eventually, 

further cutting down on size and potentially improving performance of the components. Noise can 

be further reduced by adding adaptive filters that can isolate only the frequency of interest in the 

signal. The app will also require redesigning for final use. The app currently serves to control the 

system and display impedance results. In the final device, the change in impedance of the 
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electrodes will have to be interpreted as a change in the number of nanoparticles bound to the 

electrode, and a concentration of the target biomolecule in the tested sample. That concentration 

will have to be used (possibly along with other results) to find and display the information in a 

relevant way. Other future device work will focus on making the system more automated, 

including a fluidics system for automatic measurements (more on that briefly in the next chapter). 
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Chapter 6 : Conclusions and Ongoing Work 

  

This section includes aspects of the biosensor design that did not quite fit into the other 

chapters. These include parts of the device itself, or applications of the biosensor which have been 

investigated (if only partially in ongoing experiments and collaborations). 

6.1.  Fluidics 

 How fluidic samples and solutions interact with IDEs has not, up until this point been 

discussed in much detail. In the earliest experiments using cell counting e-plates, or BVT 

conductivity sensors, electrodes had built-in well plates. These plastic coverings were permanently 

attached to the electrodes and allowed for fluids to be deposited and to sit on the electrodes for 

periods of time. When the custom designed electrode chips were made, there were no glued on 

covers initially. In early testing, fluids were simply dropped directly on the electrodes, relying on 

surface tension to keep droplets on the electrodes. The advantage of this, beyond not having to 

make and somehow attach well-plate covers, is that the entire surface of the electrode chip is 

accessible, making treating and cleaning the whole surface (such as with plasma cleaning or extra 

chemical etching) easy. The disadvantages are more obvious. Only putting droplets of liquid on 

the electrodes limited the amount that could be applied. Droplets also dried out quickly, limiting 

reaction times unless great care was taken, and some surface treatments even affected the 

wettability of the electrodes themselves, making placing droplets on the electrodes difficult in the 

first place.  

A solution to the fluid problem was found by using PDMS to make removable well covers 

for the electrode chips. PDMS is a polymer that is commonly used in microfluidics applications 

[139]–[141]. It can be molded into any shape and can stick to a flat surface forming a water-tight 

seal. PDMS well covers were custom made for all types of microfabricated electrode chips by 

casting PDMS on silicon wafers with 3D printed molds. The silicon wafer makes the PDMS have 

a perfectly smooth surface that can stick to the electrode chip. The molds are used to add the holes 

in the PDMS where the electrodes are, forming the wells. Each well can hold 20-50 µL of fluid 

(depending on the design used and the thickness of the cover). The well covers can be attached to 
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electrode chips by simply placing them on the chips. From there fluids can be added to the wells 

for chemical modifications or testing. The PDMS covers can be removed just as easily for cleaning 

or testing the chips, and reused after washing with ethanol. 

 

Figure 6.1: A PDMS well cover on an electrode chip. Blue coloured water is used in some of the 

wells. These removable covers were used for both chemically modifying the electrode surfaces 

and for taking impedance measurements in salt buffers. Each well holds approximately 50 µL of 

liquid. The blue liquid in the wells here is used to show a visual representation of the wells.  

 Droplets, PDMS coverings, and even affixed well covers are ultimately only temporary 

solutions for fluid handling during testing and design stages. One of the key goals of the final 

biosensor device is for it to be very easy to use. This means limiting sample handling. In an ideal 

system, a biosample (blood, urine, etc.) would just need to be loaded into the biosensor and the 

device would take care of everything itself. This would include getting the sample to the electrode 

(or electrodes), and washing the electrodes to remove unbound components. To do this in a 

controlled, automated way, a closed fluidic system was designed. In its final form, this would 

consist of narrow chambers over the electrode surfaces and fluidic channels going to and away 

from all of the electrodes. The dimensions of the channels and chambers are important as they 

must be small enough for laminar flow of fluids (as opposed to turbulent flow) to ensure fluid 

mixing doesn’t occur, making washing out the chambers much easier, but large enough that 
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pressure can be used to move fluids through the system. Flowing fluids in a thin layer over the 

electrode has the added benefit of exposing more of the sample to the surface, where binding can 

take place. With wells or droplets, a large percentage of the sample never interacts directly with 

the electrode (shown in Figure 6.2). Using pressure to drive fluids through channels and over the 

electrodes (or an automated pump in a final system), the flow rate can be precisely controlled. 

Gold Covered Microscope slide

plastic cover

Gold Covered Microscope slide

GNPs

 

 

Figure 6.2: Top: basic concept of the fluidic chambers. With the fluidic cover, a thin layer of the 

sample flows over the electrode, exposing more of the sample to the surface. With wells or 

droplets, most of the fluid does not contact the surface at all. Bottom: a machined plastic cover 

over a gold surface. The top chamber of this cover is filled with a blue liquid (to show an example 

of a filled chamber). Here, a much smaller volume of liquid is used than would be used in a well 

or droplet on an electrode, and there is still uniform coverage over the entire surface. A fluidic 

system like this integrated into the sensor electrodes would reduce required sample volume and 

reagents (MREs, GNPs, etc.), and would lead to better control over electrode modification and 

washing. 

 

 The first iteration of this type of fluidic design was for the first microfabricated chips. The 

larger surface area of the electrodes allowed for the fluidic cover to be made from machined plastic. 



117 

 

Luer connections and fluidic channels were used along with syringes for injecting and pushing 

fluids through the system. 

 For the smaller electrode chips, smaller fluidic covers had to be made, and fluidic channels 

had to be incorporated directly onto the cover. These were accomplished by 3D printing fluidic 

covers. A tabletop 3D printer was purchased from MiiCraft (a Miicraft+ 3D printer, 

www.miicraft.com). The printer uses a clear resin that hardens in UV light. The pattern builds 

layers of cured resin into a final 3D clear structure. Using this printer, small fluidic channels can 

be made. For electrode chip covers, 0.5mm channels were made, with 0.5mm deep chambers over 

the electrodes. The fluidic covers were glued to electrode chips using a thin layer of uncured resin. 

The thin layer was applied to the bottom surface of the cover, affixed to the electrode chips (or 

glass), and the entire chip is exposed to UV light to harden the resin and stick the cover to the chip. 

       

 

Figure 6.3: Top left: the MiiCraft tabletop 3D printer that was used to make fluidic covers for 

microfabricated electrodes. Top right: a 3D printed fluidic cover for a microfabricated electrode 

chip. There is an inlet and outlet for each electrode on the chip for samples and buffers to be added. 

http://www.miicraft.com/
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Bottom: individual 3D printed fluidic chambers for individual IDEs. These chambers have 

connections for syringes to inject fluid over the electrodes. These here are affixed to a microscope 

slide for demonstration purposes, and each have blue liquid in them to show the channels and the 

electrode area that is filled with a small volume of the liquid.  

 

 

6.2.  Ongoing Testing 

 In addition to the metabolite proof-of-concept tests, direct GNP binding tests, and I-FABP 

testing, several other applications for the biosensor have been, and are being investigated. Different 

kinds of biomolecules for different medical research applications, and collaborations for 

completely new applications are all in different stages of testing and planning. Tests are ongoing 

for detecting short strands of single stranded RNA that can be a marker for lung cancer [142]. And 

studies continue to detect the various metabolites outlined in the metabolite table back in the first 

chapter. 

6.2.1. Side Project:  Plant Spore Testing13 

 As a separate side project, the same sensor system, including electrodes and impedance 

measurements, was used for detecting spores responsible for diseases in plants. Sclerotinia 

sclerotiorum is a fungus that infects over 400 plant species including many useful crops (such as 

canola) [143]. Early detection of S. sclerotiorum spores can inform the effective use of counter 

measures against possible infections in crops. A collaboration was started to investigate if the same 

detection principles used for the biosensor system could be applied to detecting these spores. At 

first glance, there is little difference between detecting biological molecules and S. sclerotiorum 

spores. The spores even already had an available multiclonal antibody for binding and recognition. 

The big difference here is size. The biomolecules tested to this point are just that, molecules. 

Fungal spores are much larger, several microns across even, and have a much more complex 

structure. These are not necessarily completely drawbacks to detecting them, but they do force a 

                                                 
13 Thanks to Afreen Anwar and Lian Shoute who worked on and continued to work on Spore testing using the 

sensor system. As well as Susi Li and her research group who provided the spores and antibodies for testing.  
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change in design. For one, there is no way the spores can be bound between electrode digits 

because they are bigger than the spaces between electrode digits, so the MREs have to be bound 

to the gold digits. The size of the spores means that they can bridge the gaps between electrodes, 

which can cause a change in impedance on their own, eliminating the need for signal enhancing 

nanoparticles. The membranes around the spores act as capacitors in the system [144], and spore 

also introduces a new resistivity to the system. Like similar cell counting systems which use IDEs, 

bound spores should therefore cause an increase in measured impedance. 

 

 

Figure 6.4: Basic diagram of a spore bound to electrode digits. The spores are large enough to 

bridge the gaps between electrodes. The membranes of the spores act as capacitors, and the spore 

itself introduces a different resistivity, causing measurable impedance changes. 

 

 While this particular side project is in a relatively early stage, there are some primary 

results. Spore antibodies have been modified with thiol groups and bound to gold IDEs (in the 

same way that DNA was bound to gold in early proof-of-concept testing), and high concentrations 

of spores were added to the electrodes. Impedance measurements were taken before and after 

spores were added to the electrodes, and optical microscope images were taken to confirm the 

binding of spores on the electrodes. Figure 6.5 shows the impedance results. As expected, there is 

an increase in impedance magnitude over the entire frequency range as well as a decrease and shift 

in the phase. This would indicate that the bound spores are having the expected effect of adding 

capacitance and extra resistivity to the system.  
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Figure 6.5: Impedance measurements before (green: impedance magnitude, and purple: phase) and 

after (blue: impedance magnitude, and red: phase) the addition of spores on a gold electrode 

(Electrode E from Table 3.3).  

 

Microscope images of the electrodes confirmed the presence of the spores (Figure 6.6). Control 

tests were also done without bound antibodies to test for the potential of non-specific binding of 

spores. After the addition of spores to the unmodified electrodes (and washing with buffer 

solution), the impedance values remained the same. 
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Figure 6.6: Optical microscope image of an electrode pad (Electrode E from Table 3.3) with bound 

spores. 

 While these spore detecting results are certainly promising, there is still a lot of work to be 

done. The key component remaining is spore concentration. These tests were done with highly 

concentrated pure samples of spores. In real-world applications, samples could contain many 

different kinds of spores and other contaminants, and the relevant concentrations of spores are so 

small, the sensor would have to effectively detect only a few spores (1-10) to have relevance in 

actual applications.  

6.3.  Future Work 

 This research has come a long way from its initial conception to this point, but it still has 

a long way to go. The aim was not to just prove the concept or get a working version of a sensor 

in a lab, but to design a usable, portable, and practical device. Future work will focus on achieving 

these goals. Now that the detection concept has been proven and refined, work will continue on 

making it more reliable, repeatable, and sensitive. Work is also continuing on testing multiple 

analytes, and testing in different conditions, such as blood and urine, which can introduce new, 

unknown elements to the system. Design work is being started to make this a usable device outside 

a lab environment, with handheld casings for electronic components and user-friendly updates to 

both software and hardware. The aim is to create an all-in-one automated device, and a key element 

of that is a proper fluidics handling system which can deliver samples and buffers to electrodes on 

the sensor automatically and consistently. This step is crucial for development of a truly point-of-
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care device. A fully automated sample handling and monitoring system allows for portable use in 

remote environments without the requirement of specially trained personnel. Once this step is 

completed, the device itself can be put through regulatory approval as a sensor platform, allowing 

for multiple applications of the sensor technology to be developed independently. Testing is 

ongoing for multiple applications of the technology for research, environmental monitoring, and 

clinical applications. Eventually, once the technology is mature enough, the technology will be 

transferred to a startup company, so that the IP can be protected, and the biosensor can be certified, 

and distributed to researchers and medical workers for use in the real world. 

6.4.  Research Accomplishments 

Back in Chapter 1 the goals of this thesis research were outlined. These included designing, 

refining and testing a versatile, portable, and inexpensive sensing system. The system should be 

capable of detecting a wide variety of metabolites at relevant concentrations found in biological 

samples, like the ones outlined in Table 1.1. The emphasis of the research was on creating a system 

that can detect these, rather than detecting specific markers, so aspects such as the proof-of-concept 

and device design were considered and tested without specific biomarkers. The subsequent 

chapters outlined the progress of this work. To summarize these results: 

Proof-of-concept experiments showed the effect that bound gold nanoparticles can have on 

the impedance of interdigitated gold electrodes on both the RT-CES cell counting system, and 

BVT conductivity sensors measured with an LCR meter. Further testing was able to show the 

detection of cystine and THF metabolites. However, further refinement was necessary. 

Interdigitated electrodes were designed specifically for sensing using bound gold 

nanoparticles. Simulations were done to help optimize the geometry and conditions for optimizing 

the impedance response. Using the results of these, a series of interdigitated electrodes were made 

using photolithography and other microfabrication techniques. 

Methods for modifying the surface of the electrodes (both on electrode digits and between 

them) were devised in order to attach molecular recognition elements (such as antibodies, DNA, 

or binding proteins) for biosensing, or directly attach GNPs for testing purposes. GNPs attached 

directly between electrode digits did cause a measurable change in the impedance of the electrodes.  
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A device was designed to measure the impedance of the designed electrodes over a range of 

frequencies. While this device is much more specialized (limited) than the electrochemical work 

station that the previous testing was done with, the device is much smaller and less expensive. The 

device communicates wirelessly with a smartphone app for control, and data processing and 

display. 

Work is continuing in the form of designing a fluidic system to deliver biological samples and 

buffers onto electrodes in small volumes in controllable ways, and testing applications of the 

sensor system including testing proteins and fungal spores.  

While the initial goal of the research when it started was to detect a set of specific metabolites 

(shown in Table 1.1) in biological samples, instead the focus became developing the sensor as a 

general platform. Testing did not involve testing actual biological samples, and testing of some 

select metabolites, as well as other markers, such as fungal spores and proteins, is just now at the 

time of writing this currently underway. 

The true novelty in this sensor, and the research and design work that went into developing 

the sensor, comes from its focus on being a platform technology. As described back in Chapter 1, 

there is no shortage of different biosensor designs. There are even a large number of proposed and 

actual biosensors based on electrical detection using IDEs. However, these designs are for very 

specific or very limited purposes. They are limited in what they can detect and how they detect 

them, often relying on specific labels or reactions. While these tailor-made sensors can be very 

capable at doing what they’re designed to do, the sensor system was designed with the emphasis 

on versatility. By not relying on specific reactions for detection (just MREs for binding), this 

sensor can truly be a novel system. By developing the system as a platform technology, the possible 

applications are numerous. 

6.4.1. Research Contributions 

The research and design work described in this thesis involves and incorporates aspects from 

a diverse range of research backgrounds and fields of multidisciplinary study, including, but not 

limited to, microfabrication, nanofabrication, biochemistry, biology, surface chemistry, 

electrochemistry, physics, electrical circuit design, microfluidic design, and software design. And 

as the work spanned so many different specializations, the group of researchers working on this 
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project came from an equally diverse background of specialities including, but not limited to, 

chemists, biologists, biochemists, and engineers. Throughout this thesis I have made an effort to 

provide the proper credit to the individuals who made significant contributions to aspects of this 

work. The purpose of this section is to highlight and attempt to make completely clear the exact 

contributions that I (me personally) made during this work.  

When I started on this project, I was under the direct supervision of two chemists who were 

adapting the cell counting RT-CES system into the initial proof-of-concept design for the biosensor 

idea. My work at this time included learning the general concepts behind the proposed design and 

assisting with experiments. This includes the work shown in Chapter 2.  

After this, I became the “project manager” for the biosensor as a whole, directing its design, 

overseeing testing, and guiding the general direction of the project. This included supervising and 

managing a group of researchers on the project making sure the disparate aspects of the project 

worked well together. My supervisory role was not, however, the bulk of my contribution. I was 

still directly involved in the design and research process at all levels described in this thesis. 

After researching the best mechanism for accomplishing the established goals for the sensor 

(shown in Chapter 1), I started and carried out the simulations for designing the best electrodes for 

this specific application (shown in Chapter 3). I directly designed the electrodes for 

microfabrication and oversaw and determined the microfabrication procedures used (again shown 

in Chapter 3).  

I did direct measurements and characterization of the microfabricated electrodes and 

contributed to the design of the surface chemistry and biological modification of the electrodes 

and nanoparticles (shown in Chapter 4). 

I created and designed the initial concept and prototype circuits for the impedance sensor, and 

continued to supervise and contribute to the final implementation of the circuit on a PCB (shown 

in Chapter 5). 

In addition to all of these contributions, I continued to work with and oversee that diverse 

group of researchers (from many backgrounds and all levels of experience), as well as actively 

guide the trajectory of the biosensor project as a whole. 
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6.5.  Conclusions 

 Years ago, at the outset of this project, there was a very clear goal: make an effective, 

inexpensive, portable biosensor for detecting a variety of biological metabolites. While the scope 

of the project has shifted slightly, to include different applications and targets, this core goal 

remained mostly unchanged. Initially based on technology for tracking cell culture growth, and 

partially inspired by other approaches in biosensing, this biosensor design has become something 

unique, both simple in its premise, yet deceptively complex in the number of disparate elements 

that come together to make everything work. From this inspiration, many different channels of 

design and research were carried out. Chemistry, biology, electronics, microfabrication, and fluidic 

design all contributed to the final device. Electrodes, with varying dimensions, designs, and 

materials, were simulated for the appropriate electrical and physical properties, made through 

various iterations and techniques, and tested. Unique techniques for surface chemistry and surface 

modification were researched and uniquely designed. Biological molecules like DNA and 

antibodies were modified and bound to electrodes or gold nanoparticles. A portable handheld 

device was made that can accurately measure impedance over a range of frequencies, and can 

communicate with smartphone apps for control and displaying data. All of these separate 

components work together to form the basis of the overall total biosensor, and, with future work, 

eventually the inexpensive, precise, versatile sensing platform technology that was first 

envisioned. 
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Appendix A: Electrode Mask Designs 

The following figures are the mask designs used for the microfabrication of the various iterations 

of electrode chips. 

 

 

The first iteration of fabricated electrode chips are based directly on purchased electrodes (printed 

on plastic with much larger dimensions). These chips are large, with only two full chips with eight 

electrodes each fitting on each wafer. IDEs have two configurations: 20 µm digit width with 10 

µm spacing between adjacent digits and 10 µm digit width with 5 µm spacing between adjacent 

digits. 

 

The next iteration features a much more compact design, with six electrode chips fitting onto a 

single wafer. There are still eight IDEs on each chip. Five out of the six chips have IDEs with 4 
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µm digit width and 2 µm spacing between adjacent digits, and the sixth has four different 

configurations for testing purposes. 

 

The newest iteration of electrode chips that have been made. They are about a third of the size of 

the previous chips and eleven can fit onto a single wafer. The electrical contacts on the chips were 

kept the same as the previous design so the connector used with the impedance measuring 

equipment did not have to be redesigned. Electrodes have 5 µm digit width with 1 µm spacing 

between adjacent digits 

 

This alternate design was made for a larger wafer process, but has not yet been used for actual 

electrodes. There are eighty-three chips on each wafer, with two IDEs on each with 2 µm digit 

width and 1 µm spacing between adjacent digits. 
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Appendix B: PDMS Fabrication Procedure 

 

1. In a Petri dish, pour both base and curing agent into a container using a 10:1 mass ratio.  

 

2. Stir the two chemicals for 5 minutes.  

 

3. Put the mixture into a vacuum desiccator and pump the chamber down to below 65 kPa 

for 60 minutes to remove bubbles from the mixture. 

 

4. Pour the mixture in the center of a cleaned silicon wafer piece in an aluminum foil boat. 

Place the 3D printed mold into the solution and agitate to remove voids.  

 

5. Let the substrate sit for a few minutes after pouring 

 

6. Bake the PDMS coated substrate at 100°C for 1 hour.   

 

7. Peel the PDMS film of the substrate, a razor blade or scalpel can be used to start the peel. 
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Appendix C: Impedance PCB Layout 
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