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 ABSTRACT 

 

Growing interest in implantable electronics (neuro-integrated prostheses, bionic 

eyes, etc.) has identified the need to establish functional interfaces between traditional 

solid-state electronics and biomolecular events within the human body. Specifically, 

inspiration drawn from biomolecular pathways allow modeling and development of 

biocompatible systems capable of measuring analytes, such as glucose and lactate, key to 

the diagnosis and treatment of trauma-related hemorrhage. Bioresponsive hydrogels that 

incorporate enzymes such as glucose oxidase and lactate oxidase that were conjugated 

with single walled carbon nanotubes (SWCNT) or graphene quantum dots (GQD) and 

embedded in a percolating network of stimuli responsive conductive polymers have been 

developed into a dual-responsive, chemi-resistor oscillator circuit system. The input of the 

system is the chemical potential of the analytes acting through the biological activity of 

immobilized enzymes and the output of the system is a single sinusoidal wave wherein the 

concentrations of glucose and lactate can be deconvoluted from the amplitude and DC 

offset, respectively. The measured signal, transmitted wirelessly via Bluetooth to a base 

station up to 10 meters away, is fed into multiple signal processing algorithms to extract 

the amplitude and DC offset (and in turn the glucose and lactate concentrations) in real 

time. This engineered system, based on soft bioelectronic circuit elements, aims to offer 

simultaneous, real-time analyte sensing at a biomolecular level in a move toward 

biologically responsive circuits. 
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NOMENCLATURE  

ϒ-APS (3-aminopropyl)trimethoxysilan 

APNHS Acrylate-poly(ethylene glycol)-3500 n-hydroxysuccinimide 

DET Direct electron transfer 

DI Deionized water 

DMPA 2,2-dimethoxy-2-phenylacetophenone 

FAD Flavin adenine dinucleotide 

GOx Glucose oxidase 

H2O2 Hydrogen peroxide 

HEMA 2-hydroxyethylmethacrylate 

HEPES 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid  

HMMA N-[Tris(hydroxymethyl)methyl] acrylamide 

HPMA 2-Hydroxypropyl methacrylate 

I/O Input/Output 

Kcat Turnover number 

Km Michaelis-Menten constant 

KD Dissociation constant 

LOD Limit of detection 

LOx Lactate oxidase 

PBS Phosphate-buffered Saline 

PCB Printed circuit board 

PEGMA Poly(ethylene glycol) monomethacrylate 
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pNVP Poly(N-vinylpyrrolidone) 

Rglu Resistance of glucose chemiresistor 

Rlac Resistance of lactate chemiresistor 

SWCNT Single-walled carbon nanotube 

TEGDA Tetra(ethylene glycol)diacrylate 
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CHAPTER I 

INTRODUCTION  

1.1 Biomimicry at the Biomolecular Level 

The term biomimicry, coined by Janin Benyus in 1997, is the design and 

production of materials, structures, and systems that are inspired from, and function as, 

biological entities and processes [1]. The word “biomimicry” is derived from ancient 

Greek: βίος (life) μίμησις (imitation) and predates Benyus’ coining of the term. 

Philosopher John Locke looked to mimic our understanding of nature as he developed his 

theory of Natural Law (and in turn the inspiration for the Founder’s authorship of the 

Constitution) [2]. In fact, the rights enshrined in the United States Constitution can be 

thought of as a form of functional biomimicry as they seek to ordain these Natural Rights 

to all human beings [3,4]. 

Biomimicry can be achieved at different hierarchies, from mimicking biological 

systems to individual biological processes to achieve different outcomes, such as mimicry 

of function, structure, or composition [5]. Several key examples are shown in Figure 1. 

The bumpy surface of leaves from the lotus plant (Figure 1A) confers 

superhydrophobicity thereby allowing dirt to wash off easily by naturally occurring 

rainfall. Paint and textiles have sought to mimic this feature of the lotus leaf thereby 

reducing need for detergents. Similarly, the concept of the airplane or flying machine has 

mimicked the function of the wings of a bird to enable flight (Figure 1B). From the first 

conception of a man powered ornithopter by Leonardo da Vinci, to the F-35 fighter jets of 

tomorrow, the function of flight was extracted from birds by mimicking the shape of their 



 

2 

 

wings and their ability to generate lift through proper wing orientation. In a similar 

manner, several manmade structures have been inspired by nature. For instance, the 

Corinthian columns found in Rome were designed after the structure of the Acanthus plant 

(Figure 1C). Thirdly, the composition of novel materials for bone healing has been 

extracted from what we know about the composition of bone at the molecular level and 

ability of human bone to heal after trauma (Figure 1D). 

 

Figure 1. Concepts of Biomimicry 

(A) Paint and textiles achieve their materials properties through biomimicry of the 

lotus leaf. (B) Planes achieve flight through biomimicry of function of bird wings. (C) 

Architecture throughout the world has looked to nature for structure and design. (D) 

Bone healing scaffolds have sought to mimic the composition of bone. (Adapted from 

[6].) 

 

This body of work aims to use concepts of biomimicry to create a simple circuit, 

capable of simultaneous measurement of two key analytes (glucose and lactate) that results 

in fused information corresponding to a single signal output that contains the concentration 

of both analytes. That signal is transmitted to another system where it is deconvoluted to 

yield the discrete concentrations of the input analytes. For example, the citric acid cycle 

is part of the biomolecular system of cellular respiration that occurs within the 
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mitochondria (Figure 2A) wherein reactions occur simultaneously, and he output of one 

reaction may serve as the input to another reaction. This work seeks to use a systems 

approach to measure some biological input through circuit level chemiresistive 

techniques, and use the information carried on that signal as either a measurable output or 

an input into another system, as shown in Figure 2B. 

 

 

(A) Cellular respiration in the mitochondria. (B) A biomimetic systems approach to 

modelling and measuring biological activity using chemi-sensitive circuitry.  

  

Figure 2. A systems approach to biomimicry 
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 Specifically, the work presented discusses the design, fabrication, characterization, 

and testing of a glucose and lactate responsive Wien bridge oscillator system, where 

changes in analyte concentration alter chemiresistive components to the system and 

produce measurable changes to the single output signal in the form of amplitude and DC 

offset of the signal. This is schematically illustrated in Figure 3. 

 

 

Figure 3. Glucose and lactate sensitive Wien bridge oscillator biosensor. 

 

1.2 Founding and Development of Biosensors 

The detection and measurement of glucose (stat or continual) (in vitro, in situ or 

in vivo) has been studied with great depth since the description of the first biosensor by 

Clark and Lyons in 1962 and the subsequent patent of the original amperometric glucose 

enzyme electrode in 1970 [7,8]. In addition to the well-studied benefits of glucose sensing 

for diabetic patients, continuous measurement of glucose can serve as a gauge to identify 
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shock states for patients who have undergone hemorrhage associated with trauma [9]. A 

biosensor is a fully integrated system capable of receiving an input/stimulus from its 

environment through a biotransducer and outputting a signal that can be processed into 

readable, actionable information through its instrumentation. The development of 

biosensors over the last several decades has been driven not only by need in the medical 

industry, but by needs in the food , environmental, and national defense industries [10-12]. 

Biosensors can be split into 4 main groups, based on the type of physico-chemical 

transduction employed: electrochemical, optical, thermal, and piezoelectric. From year 

2000 to present, over 5000 peer reviewed articles have been recorded in the ISI Web of 

Knowledge relevant to these 4 types of glucose biosensor. From the data shown in Figure 

4A, the number of articles written for each type of glucose biosensor has increased 6-fold 

over the past two decades. The most widely studied glucose biosensor systems are 

electrochemical (48%), followed by optical (32%), thermal (15%), and piezoelectric (5%). 

Electrochemical glucose biosensors have been the most widely researched type of 

biosensor since their inception. Electrochemical glucose biosensors, specifically 

amperometric biosensors, offer many advantages over the other types of transduction 

mechanisms. Specifically, the low cost of instrumentation, the small footprint that is 

possible, and the low power requirements coupled with high sensitivity and fast response 

times (dictated by coupled enzyme kinetics/diffusion) have all been exploited to realize 

miniaturized, portable, point-of-care glucose biosensing systems. Moreover, 

amperometric glucose biosensors are highly studied because they offer the highest 



 

6 

 

sensitivity and are more easily produced on a large scale than other enzymatic 

electrochemical biosensors [13].  

 

(A) The number of electrochemical, optical, thermal, and piezoelectric glucose sensor 

related articles since the year 2000, by year. (B) The total number of electrochemical 

glucose biosensors since the year 2000, split into the transduction type: 

amperometric, conductometric, impedimetric, and potentiometric. (data collected 

from ISI web of knowledge). 

 

Optical glucose biosensors, which continue to be highly researched, also offer 

several advantages. Optical biosensors offer label-free detection of many types of 

biological or chemical analytes at a high specificity and sensitivity. In addition, optical 

biosensors show great promise for non-invasive biosensing [14]. However, the equipment 

required for optical measurements is often costly and require higher power consumption 

than most electrochemical glucose biosensors [15]. 

Enzymatic electrochemical glucose biosensors, which utilize glucose oxidase 

(GOx) (an oxido-reductase - EC number 1.1.3.4) as the bio-receptor, can be classified into 

4 groups based on the type of electrochemical transduction employed: amperometric 

(apply a constant voltage and measure current), conductometric (apply a current and 

Figure 4. Prevalence of biosensor types in literature. 
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measure a voltage drop), impedimetric (apply a sinusoidally varying voltage and measure 

the ensuing phase-shifted current as the transfer function), and potentiometric (measure 

the time varying voltage relative to a reference voltage). Of the articles recorded on the 

ISI web of knowledge since 2000, over 90% are related to amperometric sensing, followed 

by potentiometric, impedimetric, and conductometric, as shown in Figure 4B.  

What has led to this boom in development of biosensors? A case can be made that 

the catalyst of this revolution has two branches: (1) the development of synthetic 

biocompatible hydrogels, and (2) the incorporation of stimuli responsive conductive 

polymers into hydrogels to render electroconductive hydrogels (ECHs). Since the year 

2000, the number of papers published per year with the term “hydrogel biosensor” has 

increased more than 500% and the with the term “responsive polymer biosensor” has 

increased more than 2500%. Incorporation of responsive electroconductive polymers into 

biocompatible biomimetic hydrogels for the development of biosensors is a significant 

area of research and is worthy of further development. 

1.3 Classic Biosensor System 

The classic biosensor system consists of a bio-receptor established within a 

recognition layer, a physicochemical transducer, instrumentation or hardware, and 

signal/computer processing with accompanying signal processing, conditioning and the 

production of actionable information as output (Figure 5). The latter is often overlooked 

but is in fact the central reason for adopting a biosensor format for any analyte 

measurement.  
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Figure 5. Classic biosensor system 

 

1.3.1 Bio-receptor (Recognition Layer) 

The bio-receptor layer of a biosensor system can be any organic or biomimetic 

component which has a high selectivity toward the target analyte to be measured. The role 

of the bio-receptor is to receive a stimulus from a target analyte and to present that stimuli 

to a transducer. Commonly used bio-receptors include antibodies/antigens, nucleic 

acids/DNA, whole cells, synthetic biomimetics (molecularly imprinted polymers), 

peptides and enzymes [16].  

Antibodies are large, Y-shaped glycoproteins used by the immune system of the 

body to identify and neutralize bacteria and viruses by binding to a specific epitope of the 

pathogen called the antigen. The high specificity of the antibody-antigen binding (kaff > 

10-4 M) has led to its widespread use as a bio-receptor in immuno-biosensors. Sandwich 

assays utilize a capture antibody and a detection antibody labeled with an enzyme to 

“sandwich” the analyte to be measured, followed by a measurement of the catalytic 
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activity between the enzyme attached to the detection antibody and an enzymatic substrate 

[17]. In general, antibodies are not available for small molecules (haptens) such as glucose. 

However, the potential does exist for the development of peptide memetics with high 

binding affinities to build biosensors [18].   

Nucleic acids and DNA used as bio-receptors undergo a recognition process called 

complementary base-pairing (i.e. Adenine-Thymine and Cytosine-Guanine in DNA). 

Spontaneous hydrogen bonding between the bio-receptor and target complementary strand 

can be measured by labelling with an electroactive indicator or measurement of a signal 

produced by the DNA [19]. The use of RNA or DNA as a bio-receptor is easily prepared 

via Polymerase Chain Reaction (PCR). Aptamers, which are short, single stranded 

oligonucleotides that are able to bind to target molecules have been used as bio-receptors, 

but the similarity between glucose and other monosaccharides such as fructose and 

galactose (similar structures and hydroxyl groups) create difficulty in selecting an aptamer 

with high specificity [20]. Hence, high specificity aptamers are generally not available for 

glucose detection and monitoring.  

Immobilized cells, organelles, and tissues have been used as transducers in the 

detection of many biological agents which affect cells. The response of the cell, and 

signals that form their homeostasis, can be transduced into measurable signals. These 

cellular biosensors utilize cells which rely on several different biological signals. For 

example, pancreatic β-cells are able to sense multiple nutrient levels (glucose, lipids, 

amino acids) and signal for insulin via hormones (i.e. GLP-1, GIP), which were measured 

through electrode arrays and amplified to extract glucose concentration [21]. Kim et al. 
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utilized red blood cell membrane (RBCM) to fabricate a permselective glucose diffusion 

barrier based on transport of glucose by glucose transporter-1 in tandem with glucose 

dehydrogenase to create an amperometric glucose biosensor with high selectivity against 

interfering molecules (uric acid, ascorbic acid, cysteine, and galactose) [22]. These cellular 

bio-receptor systems show future promise for biocompatible, closed-loop feedback 

systems for sensing and regulation of insulin within the human body. 

Molecularly imprinted polymers (MIPs) are polymers which utilize the analyte of 

interest, acting as a template, to create a cavity in the polymer matrix with affinity toward 

a target molecule. Monomers are polymerized around the target analyte (via gelation, 

dispersion, bulk polymerization, etc.), which area then removed (usually by cleavage) and 

extracted via a solvent. The molecularly-dimensioned cavities left behind are expected to 

have a high affinity for the template molecule. Several materials have been reported for 

synthesis of glucose sensitive MIPs, such as methacrylic acid (MAA) and ethylene glycol 

dimethyl acylate (EGDMA) [23], poly(N-isopropylacrylamide-acrylamide-

vinylphenylboronic acid) [poly(NIPAM-AAm-VPBA)] [24], O-Phenylenediamine (o-PD) 

[25], and metal-organic copolymers [26]. This non-enzymatic detection mechanism shows 

great promise due to the potential for direct electron transfer (DET) functionality, freedom 

of molecular design and functional groups (to respond to different stimuli such as pH, 

electric field strength, etc.), high stability, high sensitivity, and low production cost [27]. 

Recently, other enzyme-free systems have been used for detection of glucose, 

including synthetic boronic acids as molecular receptors [28]. These systems which do not 

rely on proteins are less susceptible to enzyme denaturation and short shelf life. Boronic 
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acid forms reversible covalent complexes of boronate esters with the cis-diols of sugars, 

which alter changes in optical properties or conductivity [29]. Hence, boronic acid 

containing sensors are usually optically or electrochemically based [30]. Boronic acid 

derivatives have been directly immobilized on electrodes using various surface 

chemistries as well as electropolymerized with various conductive polymers to create a 

conductive network capable of glucose sensing [31,32]. 

Enzymes, which are macromolecular biological catalysts, are the most widely used 

bio-receptor in biosensing. Specifically, the most commonly used enzyme is glucose 

oxidase for the sensing of glucose. Biosensors utilizing enzymes as the molecular 

recognition layer offer several distinct advantages over other types of bio-receptors, 

including high sensitivity, high selectivity, and decreased response time [33]. However, 

variables such as bio-receptor film thickness, temperature, pH, and amount of active 

enzyme contribute to instability and poor reproducibility of electrode devices [34]. 

Methods such as electropolymerization have been developed to control the thickness of 

conductive and non-conductive polymers using various electrochemical techniques 

(cyclic voltammetry, amperometry, etc.) [35]. The known temperature and pH dependence 

of enzymatic electrochemical biosensors can be accounted for and have shown to be 

accurate even outside of their optimum conditions [36]. 

1.3.2 Physico-chemical Transducers 

The transducer in a biosensor system converts physico-chemical changes 

(temperature, light intensity, pH, conductivity, etc.) which take place at the bio-receptor 

into another type of energy signal through a process called “signalization” [36]. The signal 



 

12 

 

measured should be proportional to the concentration (chemical potential) of the target 

analyte. The type of transduction used in the biosensor dictates the type of biosensor (i.e. 

electrochemical, optical, colorimetric, mass-based). Examples of transducers are shown 

in Figure 5. 

1.3.3 Computer Processing 

The computer processing and electronics of a biosensor system are comprised of 

various complex electronics used to digitize, amplify, filter, and multiplex electronic 

signals and display the processed signal in an actionable form.  

Recently, many advances in miniaturization of electronics, low power 

consumption, and wireless communication (Bluetooth, ZigBee, RFID, NFC, etc.) have 

been used to either bring computer processing as well as power delivery “on-board” for 

implantable biosensors or wireless transmission of signal data for “off-board” processing 

[37-40].  

1.4 Enzymatic Glucose Biosensors 

1.4.1 Electrochemical Biosensors 

A major percentage of developed enzymatic glucose biosensors used are 

electrochemical, because they offer sensitivity and reproducibility at a low cost that cannot 

be offered by many of the other sensing modalities. In fact, many of the commercially 

available point of care glucose biosensors measure glucose electrochemically [41].  

1.4.1.1 Amperometric Biosensors 

Amperometric glucose enzyme biosensors measure the movement of electrons 

(current) produced in response to an impressed potential on a redox reaction beginning 
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with the oxidation of glucose to gluconolactone via GOx (the redox co-factor, FAD, serves 

as the electron acceptor) while oxygen is consumed in the production of hydrogen 

peroxide (H2O2) (Eq 1). Gluconolactone is subsequently converted to gluconate- and H+ 

(Eq. 2) and H2O2 is converted to O2, 2H+, and electrons in the form of current (Eq. 3) 

[42,43].  

 Glucose + O2 + H2O
GOx
→  gluconolactone + H2O2 

(1) 

 Gluconolactone → gluconate− + H+ (2) 

 H2O2 → O2 + 2H
+ + 2e− (3) 

In an electrochemical cell, measurements can be made to monitor the consumption of 

oxygen or the production of hydrogen peroxide in the reaction, the current of which, in 

the absence of parasitic or interfering reactions, is directly proportional to the glucose 

concentration. 

Amperometric glucose biosensors are generally considered as evolving over 3 

generations, based on the method of electron transfer use to measure the concentration of 

target analyte. The reader is directed to several reviews for a comprehensive discussion of 

the 3 generations [36,44,45]. Briefly, the 3 generations of amperometric glucose biosensor 

are summarized below and visualized in Figure 6: 

• Generation 1: Generation 1 glucose biosensors monitor the consumption of 

oxygen or the production of hydrogen peroxide (Equation 1) at the cathode or 

anode, respectively. 
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• Generation 2: The second generation of glucose biosensors utilized a mediator, 

such as ferrocene or ruthenium complex, to shuttle electrons from the redox center 

of the GOx molecule to the electrode, effectively eliminating the need for oxygen.  

• Generation 3: The third generation of glucose biosensors involves a direct 

transport of the electron (DET) from the active site of the GOx to the electrode 

itself, without the need of a mediator.  

 

(A) Generation 1 biosensors rely on the consumption of oxygen. (B) Generation 2 (B) 

biosensors utilize mediators to negate the need for oxygen/hydrogen peroxide. (C) 

Generation 3 biosensors utilized direct electron transfer from the active site of the 

enzyme to the electrode.  

 

1.4.1.2 Conductometric Biosensors 

Conductometric enzyme biosensors measure the changes in conductivity of a 

membrane or medium, usually between 2 interdigitated electrodes spaced very close to 

Figure 6. Three generations of enzymatic biosensors 



 

15 

 

each other (tens of microns) and sometimes a pair of interdigitated electrodes, one serving 

as measurement and one serving as reference in a ratiometric format [46]. Conductometric 

devices are sometimes presented as a subset of impedimetric devices but are discussed 

here separately. As glucose oxidase reacts with glucose, the local concentration of H+ ions 

increases (Eq. 3), resulting in an increase in acidity and ionic conductivity near the 

electrode [47]. However, since most assays are done in buffered solutions, these ions are 

neutralized quickly and don’t take part in measurable net charge transport [48]. In fact, 

solution parameters such as ion strength, buffer capacity, and pH have a significant impact 

on solution conductivity and in turn the biosensor response (higher ion strength or buffer 

concentration tend to reduce sensitivity) [49]. An elegant solution involves preparation of 

conductometric transducers utilizing chemiresistive materials, such as conductive 

polymers. The pH of response of conductive polymers such as polyaniline and polypyrrole 

have been used as stimuli-responsive films in conductometric glucose biosensors [50]. 

Polyaniline, which can be protonated to its conductive emeraldine salt or deprotonated to 

its insulating emeraldine base, has been used as films on interdigitated microelectrodes 

(IDEs) with GOx (Figure 7) [51]. In particular, the conductivity of the conductive polymer 

polyaniline is determined by the degree of protonation, and therefore unless in contact 

with a very strong acid, the conductivity can vary several orders of magnitude over several 

pHs. The resistance of such films measured using small-amplitude AC signals (see 

impedimetric biosensor section) or mV level DC signals, according to the type of 

instrumentation used. 
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(A) Typical interdigitated conductometric biosensor. A chemi-sensitive film is 

deposited on an interdigitated electrode system. (B) Protonation and deprotonation 

of Polyaniline as a result of hydrogen ion formation. (C) Typical conductometric 

glucose biosensor response. 

 

While conductometric biosensors offer advantages such as non-sensitivity to light, 

no need for a reference electrode, and low cost, many of the efforts have afforded poor 

signal-to-noise ratios in comparison with other types of enzymatic biosensors. 

1.4.1.3 Impedimetric Biosensors 

Based on the fact that changes in conductivity of a membrane or medium is a factor 

of resistance and reactance, impedimetric biosensors emerged as a means to deconvolute 

and monitor the capacitive and resistive changes occurring in a biosensor system [52]. 

Electrochemical impedance spectroscopy (EIS) is a commonly used non-destructive 

Figure 7. The use of chemiresistive films in enzymatic biosensors. 
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measurement tool that that has been utilized in applications including electrode 

characterization [53], corrosion [54], and biosensors [55].  

Impedance is measured by application of a small sinusoidal voltage (<50 mV peak-

to-peak) and measurement of the resultant current response (magnitude and phase) over a 

range of frequencies, shown in Figure 8A. Measurement over a range of frequencies 

allows the researcher to visualize frequency dependent phenomena in the electrochemical 

system. A typical Nyquist plot is shown in Figure 8B. EIS spectra are analyzed by 

equivalent circuit analysis (ECA), a technique in which experimental data is fitted to a 

hypothetical circuit which can best describe the electrochemical system in order to 

quantify electrical parameters and extract kinetics and charge transfer mechanisms. The 

most basic of these circuits, the Randles circuit, includes a solution resistance (RS), charge 

transfer resistance (RCT), double layer capacitance (CDL), and Warburg impedance (W) 

(Figure 8C).  

Changes in the charge transfer resistance (faradic impedance biosensors) and 

double layer capacitance (non-faradaic impedance biosensors) of glucose biosensor 

systems have been shown to correlate to the glucose concentration [56]. Recently, Asrami 

et al. demonstrated a reusable novel nanostructured copper oxide film on fluorinated-tin 

oxide with glucose oxidase immobilized in chitosan for impedimetric sensing of glucose. 

EIS measurements showed a linear scale of Rct [ΔRct (kΩ) = 0.306(±0.027) + 0.261 

(±0.003) × [glucose] (mM); R2 = 0.998] over the range of 0.2 – 15 mM glucose [57]. Wang 

et al. demonstrated a bifunctional impedimetric and amperometric glucose biosensor 

utilizing self-assembled monolayers (SAMs) of GOx with Prussian blue mediator able to 
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operate at low potentials (0.0 V vs. Ag/AgCl). EIS measurements showed a linear scale of 

1/RCT [1/RCT(kΩ) = 0.225 + 0.0773 × [glucose] (mM); R2 = 0.994] over the range of 0.0 – 

25 mM glucose [58]. A typical linear response curve of 1/RCT vs. glucose concentrations 

is shown in Figure 8D. 

 

 

(A) Sinusoidal current response in a linear EIS system. (B) Typical Nyquist plot of 

enzymatic glucose electrodes in analyte. (C) Equivalent circuit used to analyze 

Nyquist plots. (D) Typical Rct response of increasing amounts of glucose. 

 

 

 

Figure 8. Concepts of impedimetric enzymatic biosensors. 
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1.4.1.4 Potentiometric Biosensors 

Potentiometric enzyme biosensors measure changes in electric potential generated 

by an analyte reacting with an enzyme due to concentrations of ions, usually in an ion-

selective electrode (ISE), ion-selective field effect transistor (ISFET), or enzyme field 

effect transistor (EnFET) [33]. The most simple of these potentiometric biosensors is the 

glass pH electrode, wherein GOx has been immobilized by means of cellophane, nylon, 

and nitrocellulose [59]. In a more complex fashion, GOx has been covalently immobilized 

on ion-sensitive membranes of ion-selective FETs. The changes in electrical field at the 

enzyme/electrode interface alter the conductivity of the n and p channels of an ISFET. 

While potentiometric biosensors are mostly used for measurement of ion concentration 

(pH, Na+, K+, Mg2+, NO3-, etc.), there is some recent work utilizing potentiometric 

methods to measure glucose via glucose oxidase. A typical glucose sensitive enzyme 

transistor is shown in Figure 9A. Generation of H2O2 by oxidation of glucose at the gate 

of the transistor and the modulation of gate voltage by oxidation of H2O2 [60]. The potential 

drop at the gates are determined by the Nernst equation: 

 
𝑉𝐸𝐷𝐿2 = −

𝑘𝑇

2𝑞
ln[𝐻2𝑂2] + 𝐶 

(4) 

Where the voltage on the channel surface, VEDL2 is a function of the Boltzmann 

constant (k), the temperature (T), electronic charge (q), concentration of H2O2, and a 

constant C. The changing concentration of H2O2 at the electrode governs the current 

through the channel (IDS) by the field effect. Typical channel currents from 0 to 300 mM 

glucose are shown in Figure 9C. 
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(A) Schematic of glucose sensing transistor. (B) Typical channel current and gate 

voltage changes with respect to glucose concentration. (C) Typical channel currents 

when interrogated with increasing doses of glucose. (Adopted from [60]) 

 

Recently, the use of nanomaterials such as Zinc Oxide (ZnO) nanowires have been 

utilized as transducers in potentiometric glucose biosensors due to their high aspect ratio, 

chemical stability, and ease of fabrication [61]. Wahab et al. prepared glucose oxidase 

immobilized on ZnO nano-rods on both conductive plastic and silver wire. Potentiometric 

measurements vs. Ag/AgCl showed a logarithmic scale of 165.5 mV/decade (R2 = 0.980) 

[62].  Parrilla et al. developed a low-cost, paper based potentiometric glucose biosensor by 

entrapping GOx in Nafion deposited on paper which was first sputter coated with 

platinum. Potentiometric measurements vs. Ag/AgCl showed a logarithmic scale of 119 

mV/decade (R2 = 0.9900) with a limit of detection of 0.03 mM glucose [63]. Chou et al. 

prepared a flexible glucose sensor utilizing GOx entrapped in a Nafion/magnetic beads 

(MBs) on a graphene oxide (GO) nickel oxide (NiO) film. Potentiometric measurements 

Figure 9. Concepts of potentiometric enzymatic biosensors. 
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vs. Ag/AgCl showed a logarithmic scale of 35.3 mV/decade (R2 = 0.999) with a limit of 

detection of 1.0 mM glucose [43]. Potentiometric biosensors have the advantage of not 

requiring an extra potential (compared to amperometric biosensors), which reduces the 

effects of common analytes such as ascorbic or uric acid which are known to interfere 

with measurements [61].  

1.4.2 Optical Biosensors 

Whereas electrochemical biosensors utilize electrodes to measure an electric 

signal, optical biosensors utilize a light source, substrate, and photo-detector. Optical 

glucose biosensors measure changes in optical properties of the reactants (O2) or products 

(H2O2) brought about by the enzymatic GOx reaction. Specifically, changes in the 

absorption, luminescence, or reflectance can be measured via direct or indirect optical 

detection [64,65]. Direct optical detection methods (label-free), which measure changes in 

transducer properties, include photoluminescence, reflectometry, total internal reflection 

fluorescence (TIRF) and surface plasmon resonance (SPR). Indirect optical detection 

methods (require labels) include fluorescence, SERS, and photoluminescence based on 

quantum dot labels [66].  

Recently, Syschchyk et al. have developed a highly sensitive novel glucose 

biosensor based on the photoluminescence of porous silicon. Photoluminescence intensity 

increase were measurable from 0 – 3.0 mM glucose in the emission range of 590 – 620 

nm, as a product of changing pH due to the enzymatic reaction [66]. ZnO nanomaterials 

have also been used in optical biosensors due to their intense room temperature 

photoluminescence and electron transport properties, and they show great promise for use 
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in SERS, SPR, and fluorescence glucose sensors [67-69]. Singh et al. developed an opto-

chemical glucose sensing fiber optic capable of sensing glucose from 20 – 400 ppm (0.1 

– 2.2 mM), with a limit of detection of 5 ppm. The inclusion of polyaniline into a NiO/PAn 

matrix was shown to increase effective glucose oxidation and was responsible for 

discerning measurements at 20 ppm glucose [70]. 

1.4.3 Piezoelectric Biosensors 

Piezoelectric enzyme biosensors are created by immobilizing the bio-receptor on 

the surface of a piezo-electric crystal. Interaction with the target analyte alters the 

oscillation frequency of the piezo-electric crystal. The oscillation frequency will decrease 

when a substance is adsorbed onto the surface, allowing for measurement in of analyte 

concentration as a function of oscillation, following Sauerbrey’s equation [71,72]: 

 
𝛥𝐹 =

𝐾 ∙ 𝑓2 ∙ ∆𝑚

𝐴
  

(5) 

Where Δ𝐹, the change in resonant frequency (Hz) is governed by the original 

oscillation frequency, f (Hz), the change in mass, 𝛥𝑚 (grams), the area, A (cm2) of the 

coating, and K is a constant for the particular crystal. Piezoelectric sensors utilize 

antibody/antigen pairs, MIPs, and DNA for selective biosensing. As enzymes are only 

used in Enzyme-Linked Immunosorbent Assays (ELISA), the concepts of piezoelectric 

biosensors are not covered in depth here but can be found reviewed elsewhere [73].  

1.4.4 Thermal Biosensors 

Thermal, or calorimetric biosensors exploit the fact that enzyme reactions generate 

heat-- the amount of which is proportional to the concentration of reacted substrate, 

following the first law of thermodynamics: 
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 𝑄 = −𝑛𝑝∑∆𝐻 
(6) 

Where Q (Joules) is the total heat energy, np (mol) is the moles of product 

generated through the enzymatic reaction, and H (Joule/mol) is the molar enthalpy 

change [74]. Specifically, the glucose oxidase enzyme with glucose reactant generates 

~100 kJ/mol [75]. Enzyme thermistors are able to transduce the small changes in heat of 

the biochemical transformation according to [74]: 

 
∆𝑇 = −

𝑛𝑝𝛥𝐻

𝐶𝑠
 

(7) 

Where the change in temperature, T (K), is governed by the moles of product 

generated through the enzymatic reaction, the molar enthalpy change, and the total heat 

capacity of the system, Cs (Joule/K). Heat generated by the reaction alters the resistance 

of the working thermistor, and the difference between the working thermistor and 

reference thermistor are used to determine analyte concentration. 

Thermistors, usually used in pairs as a reference and working thermistor in a flow 

injection system, function by changing of their electrical resistance in relation to 

temperature: 

 
𝑅 = 𝑅0𝑒

𝛽(
1
𝑇
−
1
𝑇0
)
  

(8) 

Where R () is the resistance at temperature T (K), R0 () is the resistance at 

temperature T0 (K), and β is a constant associated with the thermistor. Thermistors are 

often used in Wheatstone bridge configuration in order to determine the resistance as it 

changes with respect to temperature [75]. A typical enzyme thermistor includes an 

insulating layer (usually polyurethane) covering a thermostated aluminum block holding 
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2 fluidic columns. Typically, one column is activated with the enzyme used for 

measurement, while the other is used as reference. Flow of the sample through the columns 

results in temperature fluctuations as the enzyme reacts with the substrate, altering 

resistance of the thermistor, and in turn measured voltage change in the balanced 

Wheatstone bridge [75]. 

Recently, Xie et al. developed an enzyme thermistor utilizing Pyrroloquinoline 

quinone glucose dehydrogenase (PQQGDH) compared to the more commonly used GOx 

enzyme thermistor, showing higher catalytic activity and insensitivity to availability of 

oxygen. Calorimetric measurements showed a linear range of 0.009 – 100 mM glucose 

with higher specificity than GOx [76]. 

Thermal biosensors offer high sensitivity to small changes in heat but non-

specificity, baseline drift, and heat lost through radiation, conduction, or convection have 

limited their use in biosensors [77]. 

1.5 Stimuli Responsive Polymers in the Fabrication of Enzyme-Based Biosensors 

In the past several decades, the exponential increase in enzymatic biosensor 

development and performance can be credited to the incorporation of both nanomaterials 

and/or stimuli-responsive polymers within the biosensor[78]. In fact, polymers (responsive 

and non-responsive) have acquired a prominent position as fundamental building 

materials of biotransducers [78]. Stimuli-responsive polymers are polymers which exhibit 

reversible or irreversible changes in physicochemical properties in response to physical, 

chemical, or biological stimuli from their environment, such as pH, temperature, 

electric/magnetic fields, bioactive molecules, and light (Figure 10) [79]. 
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The roles for which stimuli-responsive polymers have been used in biosensor 

systems can be described as active or passive. Active roles are generally embodied when 

the polymer is transducer-active in the sensing of the analyte, while passive roles are 

attributed to non-sensing components of the biosensor system, such as physical support, 

increasing biocompatibility, decreasing biofouling, maintaining sensor viability, and 

increasing sensor lifetime [80]. A summary of passive and active roles of polymers in 

biosensors is shown in Figure 11. A summary of recent work involving responsive 

polymers in glucose biosensors is shown in Table 1. 

Figure 10. Physical, chemical, and biological stimuli responsive polymers. 
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Figure 11. Summary of passive and active roles of stimuli-responsive polymers in 

biosensors. 
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Table 1. Recent uses of passive/active polymers in glucose biosensors 

Stimuli-

responsive 

polymer 

Passive/

active 
Stimulus Role Sensor type Ref 

 (PET) Passive - Flexible support substrate Electrochemical  [81] 

P(HEMA) Passive - Covalent linkage to enzyme Optical [82] 

PNIPAM Passive Temp. Enzyme adsorption/release Electrochemical  [83] 

PNIPAM Passive Temp. Covalent linkage to enzyme Optical  [84] 

PNIPAM Passive Temp. Covalent linkage to enzyme Electrochemical  [85] 

PNIPAM Passive Temp. Covalent linkage to enzyme Optical [86] 

PNIPAM-

ferrocene Active Temp. Temperature dictates current Electrochemical [87] 

PNIPAM Active Temp. Covalent conjugation to enzyme Electrochemical  [83] 

P(NIPAM-co-

OEGMA) Active Temp. 

Temperature change dictates 

current Electrochemical [88] 

PNIPAM Active Temp. Color change  Optical [89] 

PNIPAM-

boronic acid Active 

Temp. 

Glucose 

Swelling/shrinking in response 

to glucose/temperature Optical [90] 

BA−AA−PEG Active Glucose 

Swelling/ shrinking in response 

to glucose Optical [91] 

PNAAN Active CO2 

Polymer protonation causes AU 

NP color change Optical [92] 

p(NIPAM-

AAm-VPBA) 

Passive/

Active Glucose 

pH dependent, reversible 

glucose binding Optical [24] 

p(RDC-co-

SNS) active O2 Fluorescence probe Optical [93] 

4-

phenyldiboronic 

acid Active H2O2 Fluorescent probe Optical [94] 

Eudragit® E 

PO Active pH Fluorescent probe Optical [95] 

 HPMA/DMAE

MA/TEGDMA/

EG Active pH  Reversible swelling Piezoelectric [96] 

PNIPAAM-co-

PAA-PBA Active pH Boronic acid/glucose complex Piezoelectric [97] 
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1.5.1 Passive Roles (Physical Support) 

1.5.1.1 Covalent Linkage 

Immobilization of enzymes through tethering via covalent linkage of their amino 

acids has been reported utilizing EDC/NHS coupling chemistry, and glutaraldehyde cross-

linking chemistry as well as semi-covalent linkage through thiol chemistry, such as 

cysteine [98]. Covalent linkage of an enzyme to a transducer support is carried out in 2 

stages. First, the transducer surface is functionalized by linker molecules to possess certain 

reactive functional groups. Second, the enzyme is covalently linked to the linker molecule 

on the transducer [99]. 

Recently, polymer brushes, which are polymer chains attached to some surface, 

have been used as an interface between biosensors and the media of interest [100]. 

Specifically, these brushes have been used as an anchor to attach enzymes to electrode 

surfaces in electrochemical biosensors. Welch et al. presented an organic glucose sensitive 

transistor device which immobilized GOx onto PEDOT:PSS through a simple process 

using polymer brushes comprised of PEGMA and pHEMA [100]. Activation of carboxylic 

groups on the enzyme and covalent linkage to the electrode surface or a conductive 

polymer using EDC/NHS chemistry has been used extensively. Recently, Kotanen et al. 

fabricated an implantable dual responsive glucose/lactate biosensor by covalent 

conjugation of GOx with a pyrrole moiety and subsequently electropolymerized onto the 

electrode surface [101,102].  
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1.5.1.2 Crosslinking 

Through crosslinking, a bi-functional molecule such as glutaraldehyde (GA) or 

polyethylene glycol diglycidyl ether (PEGDE) is used to covalently link free amino acid 

groups to other enzyme molecules [99]. In similar fashion to the covalent linkage of GOx 

to the monomer pyrrole and subsequent electropolymerization by Kotanen et al., Colak et 

al. first electropolymerized polypyrrole:poly(vinyl sulphonate) (PPy:PVS) films onto a 

platinum electrode, and subsequently immobilized GOx through glutaraldehyde 

crosslinking [103]. While glutaraldehyde crosslinking is the most commonly used 

crosslinking method for enzymes, PEGDE has recently been shown to be more 

advantageous, offering higher sensitivity and specificity. This is thought to be a result of 

the more mild method of crosslinking in addition with the lower toxicity of PEGDE [83]. 

Crosslinking is commonly used in conjunction with enzyme entrapment to retain higher 

amounts of enzyme loading. 

1.5.1.3 Entrapment 

Through entrapment, an enzyme is not directly bonded with any polymers, rather 

it is entrapped within a crosslinked polymer network, such as a hydrogel. Entrapment of 

an enzyme in a polymeric matrix offers good retention of enzymatic activity and high 

enzymatic stability, and is often the most simple method of immobilization [104]. 

However, careful selection of polymers must be used in order allow diffusion of analyte 

to the active site of the enzyme. Entrapment within hydrogel matrices [105], 

electropolymerized conductive polymers such as polypyrrole [104], synthetic polymers 

such as Nafion® [106], or a combination [107], have been successfully used to create 
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glucose biosensors. During electropolymerization in proximity of counter anion dopants, 

negatively charged glucose oxidase molecules will adsorb and become entrained within 

the polymer layer directly on the electrode [108].  

1.5.1.4 Encapsulation 

Enzyme encapsulation, similar to entrapment, involves immobilizing the enzyme 

within a semi-permeable membrane (without chemical bonds), which serves to preserve 

enzyme structure/activity and  protect against protease degradation and denaturation [109]. 

Organic polymers such as Nafion®, chitosan, and alginates are commonly used for 

enzyme encapsulation [110]. While both entrapment and encapsulation are more gentle 

roles for physical support, they tend to show continuous loss of enzyme activity over time.  

1.5.2 Active Roles 

Conductive electroactive polymers (CEPs) are conjugated polymers which display 

both controllable and stimuli responsive changes in electrical, electrochemical, and optical 

properties [111]. CEPs such as poly(3,4-ethylenedioxythiophene) (PEDOT), 

polythiophene (PTh), and polyaniline (PAn) offer mild polymerization conditions suitable 

for incorporation of enzymes in optical, electrochemical, and piezoelectric biosensors 

[111]. Furthermore, incorporation of CEPs into hydrogels to create electroconductive 

hydrogels (ECHs) retain the favorable properties of CEPs within a highly swellable, 

biocompatible polymer matrix [112]. The active roles that CEPs play within glucose 

biosensor systems is summarized in this section and shown in Figure 10. 
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1.5.2.1 Redox Mediators 

Redox active polymers can be split into two groups: conductive polymers wherein 

the reversible redox reaction occurs within the main chain, or in side groups, such as 

conjugated polymers with pendant mediators (i.e. ferrocene) [113,114]. Both these type of 

polymers have generated much interest for their potential use in enzymatic biosensors 

stemming from their electrochemical, electronic, optical, catalytic, and biological 

properties [115]. Of utmost importance is the immobilization (while retaining high 

diffusivity) and availability of such redox mediators within proximity of the enzyme [116].  

Redox polymers have attracted attention for their use in non-enzymatic glucose 

biosensors. Recently, Li et al. designed a novel nonenzymatic electrochemical glucose 

biosensor using ferrocene-terminated hyperbranched polyurethane (HPU-Fc) with high 

selectivity and sensitivity [117]. Redox responsive ECHs utilizing CEPs such as 

polyaniline and polypyrrole have been reported, whereas a subunit of the polymer 

backbone is oxidized, leading to a swelling response of the entire hydrogel [118]. 

Reversible redox reactions can occur in the main chain of the polymer (i.e. polypyrrole) 

or in side grounds (pendant ferrocenes) [113]. 

1.5.2.2 Chromogenic Agents 

Conductive conjugated polymers, such as polythiophene, polypyrrole, and 

polyaniline have been researched for their electrochromic properties in biosensors. An 

electrochromic material is one that shows reversible change in optical properties as a result 

of an applied electrochemical potential (switching of redox states) [119]. For example, 

polyaniline exhibits color transition from yellow to green to blue to violet depending on 
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oxidation state (and pH) via protonation/deprotonation and ion exchange [120]. Other 

conjugated polymers, such as PEDOT, are used as chromogenic agents as it offers fast 

switching speed from deep to pale blue, high electronic conductivity, and resistance to 

degradation after doping [121]. In addition to direct chromogenic properties, pendant 

groups such as ferrocene has been conjugated to polymer backbones to enable 

electrochromic behavior [115]. 

1.5.2.3 Fast Ion Conductors 

Fast ion conductors are solids which can conduct ionic current at levels similar to 

liquid electrolytes and molten salts (10-1 – 10-2 S/cm). Solid state ionics, many of which 

exhibit ionic and electronic conductivity, have found use in energy storage, fuel cells, and 

sensor technologies [122]. Fast ion conduction has been exploited through the use of 

nonporous ECHs, where impedance between electrode surface and electrolyte is decreased 

by the ionic conductivity of conductive polymers. Ionic conductivity in polymer 

electrolytes, , is expressed as: 

 𝜎 =∑𝑛𝑖𝑧𝑖𝑒𝜇𝑖
𝑖

 
(9) 

Where µi (m
2s-1V-1) is the ionic mobility, ni (m

3)is the number of ionic carriers per 

unit volume, zi is the valency of ionic carriers, and e is the charge of an electron [123]. In 

the case of conducting polymers such as polypyrrole, ions can by cycled in or out of the 

polymer (hence changing conductivity) by controlling the applied potential. Positive 

potential applied to polypyrrole oxidizes the polymer, enticing small anions to enter the 
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material. Inversely, negative potential reduces the polymer and expels anions [124]. This 

property is often exploited in electro-stimulated release of factors. 

1.5.2.4 Fluorescent Probes 

Fluorescence is the emission of light energy by some substance that has absorbed 

light or radiation, and to date no commercially produced fluorescent based glucose 

biosensors are available [125]. Fluorescent conductive polymers utilize 1) covalent linkage 

of fluorescent molecules to polymer backbone (extrinsic fluorescence), or 2) co-

polymerization with fluorescently polymerizable monomers (intrinsic fluorescence) [126]. 

Conjugated polymers, such as polypyrrole, polyaniline, and polythiophene provide 

electronic conjugation (molecular wiring) and are excellent fluorescent probes because 

they can amplify molecular recognition by electron migration along the polymer chain 

(photoinduced electron transfer fluorescence quenching) [126]. Recently, Ayranci et al. 

demonstrated a multifunctional copolymer of rhodamine-carbazole and thienyl pyrrole 

derivate with glucose oxidase  (P(RDC-co-SNS)/GOx) for the fluorescent sensing of 

glucose [127].  

Polymer composites including carbon nanotubes, graphene oxide, and quantum 

dots (most recently carbon dots) have been widely studied as biocompatible probes for 

fluorescent glucose biosensors, but their mechanism of fluorescence is still not fully 

understood [128]. Barone et al. reported shifts in emission spectra of single wall carbon 

nanotube (SWCNT) hydrogel composites by inducing reversible hydrogel swelling using 

pol(vinyl alcohol) (PVA) capable of sensing glucose [129]. While traditional quantum dots 
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are not suitable for in vivo sensing due to cytotoxicity, polymer shells have been applied 

to QDs to improve biocompatibility [128].  

Boronic acid fluorescent sensors, which operate according to Nitrogen Boron (N-

B) interactions and photoinduced energy transfer, can form reversible covalent complexes 

capable of creating a discrete “ON-OFF” fluorescent response [29]. The fluorophore-

spacer-receptor model has been widely used in fluorescent biosensors, where electrons 

freed during the binding process of sugar to boronic acid are used to excite the fluorophore 

[130]. In addition, boronic acid functionalized graphene quantum dots and carbon quantum 

dots have been used for selective and rapid glucose sensing [131,132].  

Carbon dots (CDs) (and their polymeric form, PCDs), which appear to violate the 

Kasha-Vavilov rule of excitation dependent photoluminescence, seem to be candidates for 

biosensing and a new alternative to traditional fluorescent nanomaterials, however, 

research using this material is sparse [133].  Recently, Li et al. proposed a preparation of 

yellow-emissive carbon dots by one-pot hydrothermal treatment of p–phenylenediamine 

and aspartic acid. By addition of silver nanoparticles, the optical capacity was suitable for 

glucose sensing [134].   

1.6 Enzymatic Organic Chemiresistors  

It has been shown through literature that the impedance of enzyme based 

chemiresistors tend to follow the behavior of an enzyme catalyzed reaction [28,135-137]. 

The general scheme of an enzyme catalyzed reaction is: 

 𝐸 + 𝑆 
𝑘1
→ [𝐸𝑆]  

𝑘2
→  𝐸 + 𝑃 

(10) 
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Where the enzyme (E) interacts with the substrate (S) to form an enzyme-substrate 

complex (ES) is governed by the rate of binding of enzyme to substrate to form the 

complex (k1). The complex is then decomposed to regenerate the enzyme and form a 

product (P), which is governed by the catalytic rate (k2). The Michaelis-Menten equation 

governs the reaction rate:    

 
𝑉 = 𝑉𝑚𝑎𝑥

[𝑆]

𝑘𝑀 + [𝑆]
=
𝑘𝑐𝑎𝑡[𝐸][𝑆]

𝑘𝑀 + [𝑆]
 

(11) 

Where V is the velocity of the reaction, [S] is the concentration of substrate (mM), 

[E] is the concentration of enzyme (mM), kM is the Michaelis-Menten constant (mM), and 

kcat is the catalytic rate (sec-1).  

 Conductive organic polymers have been included in chemiresistor biosensors to 

create transducer materials capable of varying resistances based on a the biochemical 

reaction in question [78]. Possible interactions of conductive polymers and a target analyte 

in a chemiresistor system are shown in Figure 12. Five possible interactions are 

considered [138]: 

1. The analyte alters the charge transfer resistance between the polymer and electrode 

2. The analyte causes oxidation/reduction of the polymer, altering charge carrier 

density 

3. The analyte interacts with charge carriers in the backbone of the polymer, altering 

charge carrier mobility along the polymer chain 

4. The analyte interacts with the polymer dopant (C-), altering mobility of the charge 

carriers along the polymer chain 
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5. The analyte alters the probability of charge carriers hopping among chains of the 

polymer network, affecting overall film resistance 

 

 

Figure 12. Possible interactions of target analyte (X) with conductive polymer 

network in a chemiresistor system. (Reproduced with permission from [138].) 

 

The Hill equation, which is a more generalized description of enzyme catalyzed 

reactions, relates the binding of a chemical to a surface can be used to model chemiresistor 

systems [139]: 

 
Δ𝑅 = 𝑅𝑙𝑖𝑚 +

𝑅0 − Rlim 

1 + (
𝐶
𝐾𝐷
)
ℎ  

(12) 

Where R is the change in resistance of the chemiresistor in presence of the analyte 

(), Rlim is the limiting resistance measured at high analyte concentration (), R0 is the 

initial resistance of the chemiresistor with no analyte (), C is the concentration of the 
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analyte (glucose or lactate) (M), KD is the dissociation constant (analyte concentration of 

which ½ of the GOx binding sites are occupied), and h is the Hill coefficient [140,141]. 

1.7 On the Details of the Wien Bridge Oscillator Circuit 

While most circuits are designed to operate in a stable condition, the Wien bridge 

oscillator was designed to remain in an unstable (oscillatory) to produce a sinusoidal wave 

output. Oscillators have found practical use in audio systems, function generators, and 

communication systems [142]. The Wien bridge oscillator is a sinusoidal oscillator circuit 

comprised of an op amp and feedback networks of resistors and capacitors that operates 

without the need for an AC input signal. The simplest Wien bridge oscillator is shown in 

Figure 13. The output of the op-amp is fed back into both the inverting and non-inverting 

inputs of the op-amp. The output is firstly connected to an RC phase shift network (RC 

high pass filter and RC low pass filter) and is fed into the non-inverting terminal of the 

amplifier. It is this positive feedback where oscillations are first triggered. The output is 

also connected to a resistor divider network which allows control of the voltage gain and 

is connected to the inverting terminal of the amplifier (negative feedback) [143]. 
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Figure 13. Basic Wien bridge oscillator. 

 

As in all circuits, there are trace amounts of random noise present—some of this 

noise occurs at the precise frequency at which oscillations are designed. The oscillator 

circuit allows the noise at one specific frequency, the resonant frequency (fr), to be 

amplified by the op-amp and in turn produces a sine wave at that frequency. In this way, 

the oscillator circuit works as a positive feedback loop system, shown in Figure 14. In an 

oscillator system, since there is no input, Vs = 0. A positive feedback loop is formed by 

the amplifier circuitry (A) and some frequency selective network (). The output signal 

and feedback signal can be defined as: 

 𝑉𝑂 = 𝐴(𝑉𝑠 + 𝑉𝑓) (13) 

 Vf = 𝑉𝑂 (14) 

Solving the system for the gain (Af): 

 
𝐴𝑓 =

𝑉𝑂
𝑉𝑠
=

𝐴

1 − 𝐴
 

(15) 

Since there is no actual input to the system (Vs = 0), through cross multiplication: 
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 𝑉𝑂(1 − 𝐴) = 0 (16) 

Thus, the only way that V0 can be nonzero is that the loop gain |A| = 1. This is 

the first requirement for oscillations defined by the Barkhausen criteria. 

 

 

Figure 14. Positive feedback loop used in Wien bridge oscillator. 

 

1.7.1 Requirements for Oscillation: Barkhausen Criteria 

 For oscillations to occur in a Wien bridge oscillator circuit, there are 2 conditions 

that must be met, known as the Barkhausen criteria (named after German physicist 

Heinrich Barkhausen) [144]. Referring to the feedback system in Figure 14, the 

Barkhausen Criteria are as follows: 

1. The magnitude of loop gain is unity: |A| = 1. 

2. The phase shift around the loop is 0 or an integer multiple of 2:  (A) = 2n, 

n [0,1,2,…]. 

The first criteria is explained above in Equations 13 – 16. The second criteria can 

be understood through examination of the RC phase shift feedback network, shown in 

Figure 15A. The RC networks are essentially a high pass filter (lag network) connected 
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to a low pass low pass filter (lead network), effectively forming a band pass filter. From 

Figure 15B, as previously mentioned, the RC networks determine the frequency of 

oscillations, fr. At frequencies much lower than fr and much higher than fr, Vout tends to 

zero due to voltage drops over the RC networks. The resonant frequency is defined by: 

 
𝑓𝑟 =

1

2𝑅𝐶
 

(17) 

From Figure 15B, at fr, the phase shift is 0 and the magnitude of the output 

voltage reaches a max at 1/3 V/V. To begin oscillations, the gain, A, must equal 3 (in 

reality A must be slightly > 3 to induce oscillations) in order to satisfy the first Barkhausen 

criteria. Therefore, the gain feedback network must be designed such that the gain is high 

enough to allow oscillations to begin, but not too much that oscillations increased 

unchecked until saturating at the rail-to-rail voltages of the op-amp. The gain can be 

calculated from Figure 13 using the equation for a non-inverting amplifier circuit: 

 
𝐴 = 1 +

𝑅3
𝑅4
> 3 

(18) 

 𝑅3
𝑅4
> 2 

(19) 

This equation gives rise to 3 possible situations, most easily described by the 

magnitude of |A|: 

1. |A| < 1: Poles of the transfer function Af  (Eq. 12) lie in the left side of the s-plane. 

The system will oscillate but oscillations will die out exponentially (Figure 16A). 
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2. |A| = 1: Poles of the transfer function lie directly on the j axis of the s-plane. 

This will result in stable oscillations, although in reality this not sustainable 

(Figure 16B). 

3. |A| > 1: Poles of the transfer function lie in the right side of the s-plane. The 

system will become unstable and oscillations will grow exponentially (Figure 

16C). 

In many ways, these 3 situations can be thought of as a person tip-toeing along a 

fence: For some amount of time, the person will be able to sustain their balance as they 

walk along the fence (|A| = 1), but at some point, a change in the wind or the person tiring 

will result in the person becoming unstable and falling on either side of the fence (|A| < 

1 or |A| > 1). It is for this reason that updated versions of the Wien bridge oscillator have 

been developed which include automatic gain control (AGC) [145].  

Figure 15. Lead/lag network of a Wien bridge oscillator. 
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(A) |A| < 1, therefore oscillations die out. (B) |A| = 1, leading to sustained, controlled 

oscillation. (C) |A| > 1, leading to uncontrolled oscillations. 

 

1.7.2 Automatic Gain Control (AGC) 

A Wien bridge oscillator with diode stabilized automatic gain control is shown in 

Figure 17. A pair of diodes and resistor, R4, are placed in parallel with R3 result in a 

Figure 16. The three oscillation scenarios of a Wien bridge oscillator. 
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stabilization of amplitude and can lead to sustained oscillations over a wide range of gains. 

Diodes exhibit non-linear resistance (RD). From the I-V curve in Figure 18A, diodes do 

not pass current until a certain potential has been met (the so-called forward bias 

potential). When the potential is neared or has been met, the resistance of the diode drops 

in a non-linear fashion (Figure 18B). 

 

 

Figure 17. Wien bridge oscillator with diode-stabilized automatic gain control 

(AGC). 
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Figure 18. (A) I-V characteristics of a diode. (B) Resistance of diode near forward 

bias voltage. 

 

Initially, while oscillations are small and begin to build up, the diodes are not 

“turned on” (they are not operating in forward bias). At this stage, RD is very high, and the 

gain is set according to Equation 18, where A > 3 and thus the circuit begins to oscillate 

with growing amplitude. As the output voltage increases, the voltage across the diodes 

also increase, thus RD decreases (which decreases the loop gain). Equation 18 can now 

be altered to account for the resistance of the diodes: 

 
𝐴 = 1 +

(𝑅3||(𝑅4 + 𝑅𝐷)

𝑅5
 (20) 

The loop will stabilize when A = 3. The amplitude stabilization provided by the 

non-linear resistance of the diodes allow for oscillations to begin and stabilize (even at 

changing Rglu values) and will only become unstable if the Barkhausen criteria are not 

met. 
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1.7.3 Wien Bridge Oscillator with Appended DC Offset 

In this body of work, 2 chemiresistors were used to replace resistors in the Wien 

bridge oscillator circuit. First, the feedback gain control resistor R3 was replaced with a 

glucose sensitive chemiresistor. The second, a lactate sensitive chemiresistor, replaced a 

voltage divider resistor in a DC offset network appended to the output of the oscillator 

circuit, shown in Figure 3. A simple voltage divider circuit is shown in Figure 19. The 

voltage divider circuit operates according to: 

 
𝑉𝑜𝑢𝑡 = 𝑉𝑖𝑛 ∗

𝑅2
𝑅1 + 𝑅2

 (21) 

Where the output voltage is governed by the relationship of the 2 resistors.  

 

 

Figure 19. Voltage divider network. 
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The integrated two-part oscillator and band-pass filter circuit is show in Figure 

20. This system is modeled in the subsequent Chapter II and the basis for experimentation 

in Chapters III and IV. 

 

 

Figure 20. Integrated Oscillator/DC Offset Circuit 

 

In almost all branches of engineering, one of the most important steps of the 

engineering design process is development of prototype solution. Modern developments 

have accelerated prototype development, from 3-D printing of CAD drawings to circuit 

analysis in circuit simulation software. An overview of the process used in circuit analysis 

and chemiresistor modelling is shown in Figure 21, which is the process used by several 
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pharmaceutical companies (i.e. Bayer AG) to develop new knowledge and products [146]. 

The organization of the thesis is also shown in the figure. Chapter I covers all prior 

knowledge of oscillator circuits and chemiresistors, Chapter II covers the modelling 

approach, and Chapters III-V cover experimental and feedback into the model. 

 

 

 

Figure 21. Systematic overview of a model-development including interlinks between 

data, database and datamining, information and necessary experiments and 

knowledge. (Adapted from [146])  

 

 

Chapter I Chapter II Chapters III-V 
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CHAPTER II 

IN-SILICO MODELLING OF OSCILLATOR/CHEMIRESISTOR CIRCUIT  

2.1 Introduction 

The simulation was conducted in 2 parts. Firstly, circuit analysis of the oscillator 

circuit was completed to extract the optimal component values for the chemiresistor 

hardware using National Instruments MultisimTM. NI MultisimTM is an electronic 

schematic capture and SPICE simulation and circuit design software for analog, digital, 

and power electronics which is part of a suite of circuit design programs. Secondly, a 

LabVIEW program was developed to be able to achieve co-simulation with the Multisim 

circuit, such that the chemiresistor values could be coded to change in response to a “dose 

response” of glucose and lactate. 

2.2 Materials and Methods 

The proposed Wien bridge oscillator circuit with appended DC offset was designed 

and built in NI Multisim 14.1 (National Instruments, Austin, TX). All circuit components 

used were assigned a 1% tolerance. Several analyses were done to understand the circuit 

behavior upon changing the values of the glucose and lactate chemiresistors. Specifically, 

transient response as a function of altering values of chemiresistors and diode 

characterization were completed. 

Upon characterization of the circuit itself, LabVIEW 2016 (National Instruments, 

Austin, TX) was used to develop a GUI capable of communicating with the Multisim 

software to simulate the circuit output. The user is required to input values for Rglu0 and 

Rlac0, the values for the chemiresistors without addition of any analyte, the concentration 
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of GOx and LOx, and Michaelis-Menten parameters for both enzymes such as kM and kcat. 

Upon running of the program, the resistor values are sent to Multisim, and Multisim 

returns an AC sine wave, which is shown on the GUI. At the same time, the updated values 

for Rglu and Rlac were calculated using a variation of the Hill model, which are fed back 

into the Multisim circuit to provide an updated sine wave output. During each experiment, 

the actual value of Rglu and Rlac will not be known and so must be calculated. Using an in-

silico oscilloscope, the AC signal amplitude and DC offset were measured and displayed, 

and were then used to back-calculate the approximate values of Rglu and Rlac using 

Equations 20 and 21. Specifically, the program calculates the change in resistance, which 

was then used to calculate the theoretical analyte concentration using Equation 12. The 

GUI allows the user to compare these values. All parameters were “soft-coded”, so when 

experimental data was gathered, they can be fed back into the model to incrementally 

achieve better results. 

2.3 Results and Discussion 

The designed Wien bridge oscillator circuit with the appended DC offset is shown 

in Figure 20. Two systems were tested: 1) the chemiresistors were modeled as pure 

resistors (Rglu, Rlac) and 2) the chemiresistors were modeled as Randles cells, including a 

membrane/solution resistance (RS), charge transfer resistance (RCT), and double layer 

capacitance (CDL). For testing, the initial circuit values were used as shown in Table 2. 

From Equation 17, the frequency of oscillations was set to be 1 Hz. As the biosensor 

system in question was designed to operate through Faradic impedance, a lower frequency 

was chosen to be able to probe the charge transfer characteristics of the system [147]. 
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Table 2. Initial circuit parameters used for testing. 

 

COMPONENT VALUE COMPONENT VALUE 

R1 158 k Rglu 22 k 

R2 158 k Rlac 1 k 

R3 50 k C1 1 µF 

R4 100 k C2 1 µF 

R5 100 k C3 10 µF 

R6 1 k C4 1 µF 

R7 1 k V1 5 V 

 

2.3.1 Transient Response of Output by Varying Chemiresistors 

From the initial parameters, Rglu was varied from 14 k – 27.4 k and Rlac was 

varied from 1 k - 60 k to model how changes in chemiresistors due to changes in 

analyte concentrations affect the output signal. For the 2nd model, RS was designated 100 

 and QDL was designated to 100 nF. The op-amp was powered with +4.5 and -4.5 V—

approximately the same voltage offered by a 9V DC battery when connected to an RC 

artificial ground circuit. Figure 22 shows the steady state peak-to-peak amplitudes 

(Figure 22A) and DC offsets (Figure 22B) as a result of varying chemiresistor values.  
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As the focus of this chemiresistor biosensor is to sense glucose and lactate, it is 

important to be able to extract the physiological state of the patient that with respect to the 

concentrations of those analytes. Glucose and lactate concentrations in the body can be 

split into 3 physiological ranges, as shown in Table 3 [148,149]. 

 

Table 3. Pathophysiological ranges of glucose and lactate. 

ANALYTE PATHOPHYSIOLOGICAL RANGE 

 LOW NORMAL HIGH 

GLUCOSE 

Hypoglycemia 

<3.88 mM 

Euglycemia 

3.88 – 5.5 mM 

Hyperglycemia 

5.5 – 10 mM 

LACTATE 

Hypolactatemia 

< 0.5 mM 

Eulactatemia 

0.5 – 1.0 mM 

Hyperlactatemia 

2.0 – 4.0 mM 

 

Figure 22. Peak-to-peak voltage (A) and DC offset (B) of varying values of Rglu 

and Rlac, respectively. 
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 From Figure 21A, 3 distinct regions are visible. These regions are governed by the 

gain of the circuit (Equation 18-19). Specifically, the ratio of Rglu to R3 must be > 2 for 

oscillations to occur. The three situations that can occur are summarized below: 

 

{

𝑅𝑔𝑙𝑢 < 18 𝑘Ω

18𝑘Ω ≤ 𝑅𝑔𝑙𝑢 < 25𝑘Ω

𝑅𝑔𝑙𝑢 > 25𝑘Ω
|
|

𝑉𝑝𝑝 = 9𝑉

𝑉𝑝𝑝 = (1 +
𝑅3||(𝑅4 + 𝑅𝐷)

𝑅𝑔𝑙𝑢
) ∗ 𝑉𝑖𝑛

𝑉𝑝𝑝 = 0𝑉

 (22) 

When Rglu falls below 18 k, the gain of the inverting op-amp exceeds the rail-to-

rail voltage of the op-amp (4.5 V), therefore the signal is clipped. When Rglu is between 

18 k – 25 k, the circuit operates as usual, where the amplitude of the output wave 

operates according to the Equation 22. When Rglu exceeds 25 k, the Barkhausen criteria 

are no longer satisfied, therefore oscillations cease. When tuned correctly, all three 

situations can provide valuable information. For instance, the value of R3 can be tuned 

such that clipping occurs when [Glu] < 3.88 mM (Hypoglycemia), the oscillator functions 

properly in the normal physiological range, and oscillations cease occurs when [Glu] > 

5.5 mM (Hyperglycemia). Figure 23 shows examples of clipped (A), normal (B), and 

ceased (B) oscillations, each of which can provide valuable information. 
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The same concept can be applied to the DC offset of the signal, albeit in a much 

less discrete manner. The DC offset applied to the output of the circuit is governed by 

Equation 21. The value of R7 can be chosen such that a lower cutoff voltage can correlate 

[Lac] < 0.5 mM (Hypolactatemia), a range of voltages correlating to the normal 

physiological range, and an upper cutoff voltage can signify [Lac] > 2.0 mM 

(Hyperlactatemia).   

2.3.2 LabVIEW Chemiresistor Model 

The front panel and block diagram of the model developed in LabVIEW is shown 

in Figure 24 and Figure 25. The model works according to the flow chart diagram shown 

in Figure 26. 

 

Figure 23. Example of clipped (A), normal (B), and ceased (C) oscillations in the 

oscillator circuit. 
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Figure 24. Front panel of LabView for modelling chemiresistor response. 
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Figure 25. Block diagram of LabView for modelling chemiresistor response. 
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Figure 27 shows the calculated results of a dose response of glucose and lactate. 

Figure 27A and B show calculated residuals of predicted values of Rglu and Rlac calculated 

from measuring the peak-to-peak voltage and DC offset of the simulated wave and back-

calculating the resistance values. Using the paired t-test, both Rglu and Rlac values were not 

statistically different from the actual values (P<0.001), indicating that the equations used 

to back-calculate resistance values are valid. Furthermore, the R2 values calculated from 

linear regression of the glucose chemiresistor were 0.9913 (R only) and 0.9812 (Randles 

cell) and R2 calculated from linear regression of the lactate chemiresistor were 0.9988 (R 

only) and 0.9833 (Randles cell), indicating a good modeled response of the circuit 

behavior. However, shown in Figure 27A, the residuals show a non-linear residual plot, 

indicating that a higher order variable may be missing from the equation calculating either 

the resistance. Figure 27C and D show predicted concentrations of glucose and lactate 

calculated using the predicted resistance values plugged into the Hill equation. From the 

figures, the model can appropriately back-calculate the actual glucose and lactate 

concentrations. Using the paired t-test, both predicted [Glu] and [Lac] values were not 

statistically different from the actual values (P<0.01), indicating that the use of the Hill 

model to calculate concentrations of analyte from the calculated resistances is valid. 
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Figure 26. Flow chart of LabView oscillator circuit model. 
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Figure 27. Residual plots (A,B) of calculated glucose and lactate resistances and 

Clarke error grids (C,D) of analyte concentrations calculated from LabView circuit 

model using both the chemiresistor and Randles cell model. 

 

2.4 Conclusion 

The basic response of a Wien bridge oscillator with DC offset was modelled in 

MultisimTM circuit analysis software, illustrating the several regimes of response that may 

result from changes in certain resistance values, particularly with the gain dictating 

resistor. The response of glucose and lactate chemiresistors in the Wien bridge oscillator 

system were modeled in LabView, where implementation of an in-silico dose response of 
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analyte resulted in changes in peak-to-peak voltage (glucose chemiresistor) and DC offset 

(lactate chemiresistor) of the resultant sinusoidal wave. By measuring these parameters in 

silico and using basic equations, an approximate value of the chemiresistor was calculated, 

showing that using either a pure resistor (R) or the Randles cell (R(QR)) resulted in R2 

>0.98. Using the Hill equation, the concentrations of each analyte were successfully 

calculated and followed the actual values linearly. 
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CHAPTER III 

OSCILLATOR DATA ACQUISITION 

 

3.1 Introduction 

Upon successful completion of a model for the oscillator circuit system a suitable data 

acquisition system was developed.  The basic tool for acquiring the amplitude and phase 

of a sinusoidal wave is an oscilloscope, however, most oscilloscopes are too large to be 

deemed comfortably portable and can cost several hundreds of dollars.  Microcontrollers 

are small programmable computers/integrated circuits which contain processing units, 

inputs and outputs, that serve as an alternative. Microcontrollers, specifically the 

Arduino® and its subsidiaries, are available at much lower cost (<$30) and smaller 

footprint (~50  70 mm) than traditional oscilloscopes. The Arduino microcontroller can 

be coded in a basic version of C++ language in the Arduino IDE (Integrated Development 

Environment) to receive and transmit digital/analog data. Furthermore, the Arduino UNO 

can be powered by a 9V battery, making it ideal for portability. 

Arduinos can be coded to input analog signals (such a sine wave) and transmit the data 

to a computer through a serial port (such as USB) or wirelessly (with additional, correct 

hardware is appended to the Arduino). Complex oscilloscopes have been developed with 

significant signal conditioning hardware and software to measure analog signals at a wide 

range of frequencies using the Arduino [150,151]. In its use as a data acquisition unit in this 

study, a simple direct probe connection to the Wien bridge oscillator op-amp input and 

output was satisfactory.  
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 In this study, the Arduino was coded to receive an analog input, convert the analog 

signal to a digital signal, create a buffer storing the signal value as well as a timestamp, 

and transmit that data to a computer either through USB or Bluetooth. A LabView 

program was developed to receive the data in real time and unpack the data into its discrete 

parts. The data was then processed to filter out noise and the peak-to-peak voltage and DC 

offset from the signal was extracted. The calculated resistance values of chemiresistors of 

the circuit were then used in the Hill equation [152] to calculate concentrations of analytes. 

3.2 Materials and Methods 

3.2.1 Arduino Data Acquisition 

An Arduino UNO R3 microcontroller was used to acquire the sinusoidal output 

wave from the oscillator circuit. The Arduino UNO R3 is a multifunctional low-cost 

microcontroller equipped with a set of 14 digital and 6 analog input/output pins that are 

programmable through the Arduino IDE software, which is coded in a derivate of C/C++ 

and can be uploaded to the microcontroller through USB.  The simple code uploaded to 

the Arduino is shown below: 

const int analogPin0 = A0; 
const int analogPin1 = A1; 
void setup() { 

//Setup serial connection 

Serial.begin(9600); 
} 

char buffer[50]; 
void loop() { 

//Begin a counter 

unsigned long counter=millis(); 
//Read analog pins 
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int Vo = analogRead(analogPin0); 
int Vin = analogRead(analogPin1); 
//Package both pieces of data into a buffer 

sprintf(buffer, "%04d \t %04d \t %06lu", Vo, Vin, counter); 
//Transmit the packaged data over the serial line 

Serial.println(buffer); 
} 

 

The code begins a loop at a baud rate of 9600, acquires the voltage at Analog Pin 

0 (Vo) and Pin 1 (Vin), records the time (counter), packages the data into a buffer, and 

transmits the data packet over the serial line (via USB or Bluetooth). Figure 28 shows a 

schematic of data packaging, transmission, and receiving. 

 

 

3.2.2 LabVIEW Data Reception 

LabVIEW was used as a software environment on the receiving end of data 

transmission to receive and unpackage the data packets. A schematic of the block diagram 

designed is shown in Figure 29. 

Figure 28. Schematic of data acquisition and packaging into buffer by Arduino, 

transmission over a serial line, and receiving and unpacking of data by computer. 
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Figure 29. LabVIEW block diagram designed to receive real-time data from 

Arduino, extract data, plot, and calculate concentrations of analyte. 

 

3.3 Results and Discussion 

3.3.1 Arduino Data Acquisition, Transmission, and Reception 

The front panel of the developed LabVIEW program with real time measurements 

of data incoming from the Arduino is shown in Figure 30. For demonstration purposes, 

Rglu and Rlac were replaced with potentiometers. Potentiometers may be manually 

controlled to change circuit element resistance in a manner analogous to a chemiresistor. 

The two real-time plots shown in the front panel of Figure 30A show the incoming 

sinusoidal signal being transmitted via Bluetooth (top plot) where the potentiometer 

resistance was changed slightly, resulting in a measured change in amplitude (red line on 

lower plot) and no change shown in the measured DC offset (white line on lower plot). 

Figure 30B shows the same situation for Rlac, where the resistance was changed slightly, 

resulting in an increase in the DC offset of the signal.  From the deconvoluted change in 

amplitude and DC offset, the data was plugged into Equations 20 and 21 to back-calculate 
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the change in resistance of the potentiometers (or in implementation, the chemiresistors). 

The resulted change in resistance values were then used in Equation 12 to calculate the 

corresponding concentration of analyte that produced the change in resistance. 

(A) A change in Rglu results in a measurable change in sinusoidal wave amplitude. 

(B) A change in Rlac results in a measurable change in DC offset. 

 

A 

B 

Figure 30. LabVIEW front panel of real-time data received from Arduino 

measurements. 
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3.4 Conclusions 

A simple Arduino oscilloscope was created, which has the ability to communicate 

with a computer base-station through either wired USB or wirelessly over Bluetooth. A 

LabView program was created which could receive and process data from the 

microcontroller. In the program, the buffered data was separated and plotted in real time. 

The peak-to-peak voltage and DC offset were extracted from the incoming sinusoidal 

signal. These values were used to calculate the approximate resistance of the resistors. 

Using the Hill equation, the approximate concentrations of analyte could be calculated. 
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CHAPTER IV 

OSCILLATOR CIRCUIT INSTRUMENTATION DEVELOPMENT 

4.1 Introduction 

The development of portable, electroanalytical biosensors has been an area of 

study and active commercialization in recent years due to the need for portable, rapid, and 

smart, diagnostic and theranostic devices to meet pressing point-of-concern need [12]. 

Several portable spectrophotometric and colorimetric devices are being widely developed 

as retrofit designs to enable use of the high pixel density CCD cameras of contemporary 

cell phone cameras [153].  

Traditional commercial glucose sensors, while portable, are of the “prick and 

measure” type, and do not offer continuous glucose monitoring. Very recently, the FDA 

has approved 4 portable continuous glucose monitoring systems: G5 (Dexcom), G6 

(Dexcom), FreeStyle Libre (Abbot), and Guardian Connect (Medtronic) [154]. These 

devices however, are very expensive—the Dexcom G5 is estimated to cost $6,588 

initially, with a lifetime cost of $339,196 [155]. Most of these portable systems employ a 

small biotransducer implanted into the arm which can transmit data via an externalized 

unit at periodic intervals to a smart phone or base station. A similar overall system 

architecture was approached for the biosensor hardware discussed in this body of work – 

biotransducer, externalized unit and laptop base station.  

This chapter reports on the development of a low-cost prototype hardware system 

capable of housing a data acquisition microprocessor unit, the oscillator circuitry, a 
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Bluetooth transmission device, and a battery pack. The following design considerations 

were made: 

• Data acquisition through Arduino microcontroller 

• Ability to transmit measured data over USB or Bluetooth 

• Ability to be powered by 12 V DC wall outlet, or standalone on 9 V battery 

• Easy replacement of biotransducers/chemiresistors in the system 

4.2 Materials and Methods 

The bill of materials for the biosensor hardware (excluding the cost of hydrogel 

biotransducers/chemiresistors) is shown in Table 4. 

4.2.1 Bill of Materials 

Table 4. Bill of materials for oscillator circuit biosensor hardware 

Hardware Unit size Unit Price Quantity Total Price 

Arduino Uno R3 1 $20.99 1 $20.99 

Prototype Shield 3 $11.56 1 $11.56 

Micro USB Dip Pinboard 10 $6.59 1 $6.59 

Micro USB Cable 1 $5.99 1 $5.99 

HC-05 Bluetooth 1 $8.49 1 $8.49 

SM Resistor Kit 710 $9.99 1 $9.99 

SM Capacitor Kit 525 $12.90 1 $12.90 

SM Diode Kit 150 $6.99 1 $6.99 

Op Amp Kit 50 $7.99 1 $7.99 

Assorted Wires 120 $5.79 1 $5.79 

3D Printed Casing 1 $0.06 81 $4.86 

9V Battery 8 $9.99 1 $9.99 

9V Battery Clip 2 $5.99 1 $5.99 

Electrodes 1 $10.00 4 $40.00 

          

 TOTAL $158.12 
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4.2.2 Oscillator Circuit Fabrication 

An Arduino prototype shield (Gikfun, Dong Guan, China) was used as the 

platform for building all circuitry. The prototype shield is manufactured in such a way that 

it can sit directly on top of the Arduino and interface with all the I/O pins. The layout of 

the circuit board was designed in Frizting, an open-source software (University of 

Applied Sciences, Potsdam, Germany). The software is designed for fabrication of a PCB 

through 3 steps: 1) building of circuit on a breadboard (Figure 32A), 2) routing the 

proposed circuit in a schematic (Figure 32B), and 3) routing of the proposed circuit on a 

PCB (Figure 32C).  

4.2.3 3-D Printed Circuitry Housing 

The biosensor system circuitry was designed such that the microprocessor and 

associated hardware could fit into a 3-D printed housing unit. STL drawings of prototypes 

were created in SolidWorks 2018 (Dassault Systemes, Velizy-Villacoublay, France). All 

3-D prints were completed on an Ender 3 Pro (Creality, Shenzen, China) using 1.75 mm 

diameter PLA filament (Hatchbox, Shenzen, China) using a layer height of 0.2 mm and 

print speed of 60 mm/s. Two revisions of a prototype casing unit were developed, shown 

in Figure 31.  
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4.3 Results and Discussion 

4.3.1 Oscillator Circuit Design 

The circuit built in the Frizting software is shown in Figure 32. This schematic 

incorporates wiring of all components of the entire system (Arduino, switch, Bluetooth 

module, USB port). Several observations can be made when comparing the circuit shown 

in Figure 32B to the standalone circuit in Figure 3. Firstly, Rglu and Rlac have been 

removed from the circuit itself and are now shown wired to a female adapter to a USB-

micro plug. The attachment to this is discussed further in Section 4.2.3. Secondly, an 

artificial ground network was appended to the circuit consisting of 2 RC networks. This 

network was appended so that the powered op-amp would “see” a V+ of 4.5 V and a V- 

Figure 31. Solidworks models of biosensor board Revision 1 (A) and Revision 2 (B). 

Exploded view of Revision 2 (C). 
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of -4.5 V, as opposed to being powered directly by the battery, which would result in the 

op-amp “seeing” a V+ of 9 V and a V- of 0 V. Thirdly, the HC-05 Bluetooth module has 

been added to the circuit, along with a switch connected to the +5 V output of the Arduino. 

As the system is designed to operate on both a wired serial connection via USB and a 

wireless Bluetooth transmission, the +5V powering the Bluetooth would disrupt serial 

communication over the USB, therefore a physical switch was added to the system to 

allow the user to manually turn off the Bluetooth power. Lastly, the Arduino itself and the 

connections to the oscillator have been added to the diagram. 

After design of a circuit schematic, customarily a PCB is fabricated with surface 

mount components. The PCB board layout was designed in a way that it acts as a shield 

to the Arduino (a board that sits directly on the top of the Arduino allowing for interface 

with the available pins of the Arduino). The designed PCB shown in Figure 32 is the same 

footprint as the Arduino (68 mm  53 mm) and holds the circuitry, Bluetooth module, 

switch, and micro-USB port. While the fabricated circuit itself was created using 

traditional soldered surface mount components and wires, the cost of the designed PCB 

was quoted at $11.38 per PCB. 
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4.3.2 3-D Printed Circuitry Housing 

A 3-D printed housing was designed and fabricated to hold the Arduino and all 

circuit components. Both revisions included 2 printed parts: a base (to hold the Arduino) 

and a lid (to cover the components). Opposing magnetized pins were installed at each 

corner to allow for lid to base closure. The first revision (Figure 33A) utilized 2 batteries 

(1 for the Arduino, 1 for the op-amp) which were stored in a shelf below the Arduino unit.  

Revision 1 was modeled as a rectangular prism with dimensions 57  62  78 mm. The 

second revision (Figure 33B & C) illustrates several improvements. Firstly, the 

dimensions were decreased to 32  58  75 mm. This was made possible by: 1) sitting the 

Bluetooth module at a 90 angle, parallel to the protoboard, and 2) reconfiguring power 

Figure 32. Breadboard (A) and circuit schematic (B) of oscillator circuit. Layout 

of theoretical PCB (C).  
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management so that the entire system could be powered from a single 9V battery. Further 

adjustments were made such as decreasing the width of walls and adding a button on the 

top side capable of triggering the RESET pin of the Arduino board. 

 

 

Figure 33. 3-D printed models of biosensor board Revision 1 (A, B) and Revision 2 

(C,D). 

 

4.4 Conclusion 

The hardware of the biologically responsive oscillator circuit was successfully 

realized. After modelling the circuit in Multisim (Chapter II), 2 hardware prototype 

protective cases were developed in Solidworks and 3-D printed—the second of which 

became the final case. The oscillator circuit and associated wiring were soldered on a 
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shield able to directly interface with the Arduino. The layout of the circuit board was 

designed and optimized in Fritzing software as a guide for assembly.  
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CHAPTER V 

CHEMIRESISTOR HYDROGEL FABRICATION AND CHARACTERIZATION 

5.1 Introduction 

A considerable amount of research in recent years has been focused on 

incorporation of one-dimensional (1D) nanostructures, such as nanotubes or nanowires, 

into biotransduction elements in biosensors [156-158]. Nanomaterials such as single-walled 

carbon nanotubes (SWCNTs) have been widely used in enzymatic biosensors due to their 

superior electronic properties, high aspect ratio, and sensitivity to adsorption/reaction 

events [156]. SWCNTs modified in various ways with biorecognition molecules including 

enzymes, antibodies, and DNA have found use in several biosensor systems [159]. 

Guiseppi-Elie et al. were the first to report on direct electron transfer of the active FAD 

center of glucose oxidase adsorbed to SWCNTs, which has found use in development 

toward 3rd generation biosensors [160]. Guiseppi-Elie et. al further developed this concept 

by producing supramolecular conjugates of glucose oxidase-SWCNT through an 

ultrasonication process, demonstrating that with 5-60 minutes of ultrasonication, enzyme 

activity in the conjugate was preserved and a significant increase in both KM and kcat were 

observed [161]. 

 Incorporation of conductive polymers and supramolecular bioactive conjugates 

into biocompatible hydrogels to create stimuli-responsive electroconductive hydrogels is 

an area of considerable interest [162]. A hydrogel network, in the form of a film on or 

between 2 electrodes, can be engineered to respond to a variety of stimuli (see Chapter I). 

Redox-responsive hydrogels, which can incorporate some conductive redox polymer such 
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as polypyrrole (PPy), polyaniline (PAn), or poly(3,4-ethylenedioxythiophene) (PEDOT), 

show measurable change in film resistance upon oxidation/reduction of the incorporated 

conductive polymer backbone [162].  Tao et. al published a body of work wherein stimuli-

responsive PAn nanofibers showed varying resistivity in the response to amounts of H2O2 

created the GOx/glucose redox reaction [163]. The reaction steps are summarized below: 

 𝑔𝑙𝑢𝑐𝑜𝑠𝑒 + 𝐺𝑂𝑥(𝐹𝐴𝐷) → 𝑔𝑙𝑢𝑐𝑜𝑛𝑜𝑙𝑎𝑐𝑡𝑜𝑛𝑒 + 𝐺𝑂𝑥(𝐹𝐴𝐷𝐻2) (23) 

 𝐺𝑂𝑥(𝐹𝐴𝐷𝐻2) + 𝑂2  → 𝐺𝑂𝑥 (𝐹𝐴𝐷) + 𝐻2𝑂2 (24) 

 𝐻2𝑂2 + 𝑃𝐴𝑛𝑟𝑒𝑑  → 𝐻2𝑂 + 𝑃𝐴𝑛𝑜𝑥  (25) 

 Briefly, in the presence of GOx, glucose is oxidized to form gluconolactone and 

the enzyme is reduced. In the presence of oxygen, the enzyme is reoxidized and produces 

H2O2. The conductive polymer is then oxidized by the H2O2, resulting in a more conductive 

film. This proposed mechanism allows the ability to sense the target analyte without the 

use of a redox mediator. Increasing amounts of glucose introduced into the system result 

in increasing rates of conductivity change of the polymer, until it is entirely oxidized. 

 In this body of work, supramolecular conjugates of SWCNT-GOx and SWCNT-

LOx were incorporated with PPy into a photo-crosslinkable hydrogel cocktail. The 

cocktail was cast between 2 platinum parallel plate electrodes fabricated in-house and 

deployed as glucose and lactate chemiresistor biosensors. 

5.2 Materials and Methods 

5.2.1 Materials 

Hydrogels were formulated from mixtures of the monomers 2-

hydroxyethylmethacrylate (HEMA) (Sigma-Aldrich, Saint Louis, MO, USA), 2-
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Hydroxypropyl methacrylate (HPMA) (Sigma-Aldrich), N-Tris(hydroxymethyl)methyl 

acrylamide (HMMA) (Sigma-Aldrich), and poly(ethylene glycol) monomethacrylate 

(PEG(360)MA) (Polysciences, Warrington, PA, USA). Additionally, it contained the 

crosslinker, tetra(ethylene glycol)diacrylate (TEGDA), a pre-polymer to control viscosity, 

poly(N-vinylpyrrolidone) (pNVP) (MW = 1.3M), and the photoinitiator, 2,2-dimethoxy-

2-phenylacetophenone (DMPA), all from Sigma-Aldrich (St. Louis, MO, USA). The mol 

% repeat units are shown in Table 5. Hydrogels were rendered conductive by inclusion of 

1.0 wt% PPy nanoparticles (Sigma-Aldrich). SWCNTs (purity, 95wt%), GOx (EC 1.1.3.4 

from Aspergillus niger, G7141-250KU, type X-S, 146,000 units/g solid), and LOx (EC: 

1.13.12.4 from Pediococcus sp., 20,000 units/g solid) were purchased from Sigma-Aldrich 

and used to create supramolecular conjugates (SWCNT-GOx, SWCNT-LOx). Lithium-L-

lactate and D-(+)-glucose (Sigma-Aldrich) were used to create dose response solutions 

from 0.0 – 50.0 mM in 0.01 M PBS. Planar platinum electrodes were used as electrode 

interface of hydrogels. Ultracentrifuge tubes were purchased from Fisher Sci. (Pittsburg, 

PA, USA). Polystyrene cuvettes (model DTS0012) used for DLS measurements were 

purchased from Malvern Panalytical (Egham, UK). 
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Table 5. Constituents of the hydrogel cocktail used for the preparation of 

electroconductive hydrogel biotransducers. 

 

COMPONENT MOL % 

HEMA 43.25 

HPMA 45.25 

TEGDA 1.0 

PEGMA 5.0 

HMMA 5.0 

PNVP 2.0 

DMPA 0.5 

 

5.2.2 Fabrication of Supramolecular SWCNT-GOx/SWCNT-LOx 

Supramolecular conjugates of SWCNT, GOx, and LOx were fabricated according 

to previously published procedures [161]. Briefly, aqueous suspensions of SWCNT (5 mg) 

and enzyme (10 mg) were prepared in 5.0 mL DI water. Suspensions were created at 4 C 

by ultrasonication using a QSonica Q500 Tip Sonicator (Newton, CT, USA) outfitted with 

a 1/16” microtip probe. Ultrasonication was carried out in pulse mode (10 seconds on, 10 

seconds off) at 30% amplitude for 5 minutes. Conjugates were collected from the 

supernatant and were ultra-centrifuged (30,000  g for 1 hour) in an Eppendorf 5424 

Centrifuge (Hamburg, Germany). Following centrifugation, samples were stored at 4 C. 
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5.2.3 UV-Vis Spectra of Ultrasonicated GOx/LOx  

UV-Vis spectroscopy was completed using a BIO-TEK PowerWave XS 

Microplate Spectrophotometer (Bio-Tek Instruments, Inc., Winooski, VT, USA) to 

explore the any changes of enzymes brought about by ultrasonication. For this, 200 µL of 

pristine enzyme and 200 µL of enzyme solution subjected to top sonication were pipetted 

into wells of a 96 well plate. Spectra were measured from 300-600 nm.  

5.2.4 Dynamic Light Scattering of Supramolecular SWCNT-GOx Conjugates 

Average particle diameter of pristine GOx (1 mg/mL), pristine SWCNT (1 

mg/mL), and the SWCNT-GOx conjugates were measured using a ZetaSizer Nano-ZS 

(Malvern Panalytical, Egham, UK). Technical triplicates were measured and analyzed in 

Zetasizer Software 7.11. 

5.2.5 Chemiresistor Hydrogel Fabrication 

Chemiresistor hydrogels were first fabricated according to the mol% repeat units 

in Table 5. Four cocktails were made for either enzyme: a control gel (no enzyme or 

conductive inclusion), a gel with only enzyme, a gel with CNT-enzyme conjugates, and a 

gel with CNT-enzyme conjugates with the conductive inclusion of PPy:PSS. PPy:PSS 

nanoparticles were incorporated at 1.0 wt% and SWCNT-GOx or SWCNT-LOx 

supramolecular conjugates were incorporated at 1 mg/mL. Sensing tests were completed 

either by directly inserting platinum electrodes into hydrogel solutions with analyte or by 

first crosslinking the hydrogel in place directly on the electrode: Following mixing, 100 

µL of hydrogel cocktail were pipetted between 2 platinum parallel plate electrodes 
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(electrode spacing: 2 mm, electrode working area: 1.5 cm2) that were first subjected to 

deposition of platinum nanoparticles at a charge density of 50 mC/cm2 through previously 

published procedures that produced platinized-platinum electrodes 
[164]. The hydrogels 

were exposed for 5 minutes to UV within a CX-2000 UV Crosslinker (UVP, LLC, Upland, 

CA, USA) to initiate polymerization of the hydrogel constituents. Following crosslinking, 

hydrogels were hydrated in 0.01 M PBS for 4 hours. The chemical structure schematic of 

the crosslinked hydrogel and the roles of each component is shown in Figure 34. 

Additional electrodes were prepared using microfabricated IME-FD-Au (digit 

length: 4985 µm, electrode pairs: 50, digit width: 15 µm, digit spacing: 15 µm, : 60 µm) 

developed by ABTECH Scientific Inc. (Richmond, VA). Chip substrates were fabricated 

from Schott D263 Borosilicate Glass with gold sputter coated at a thickness of 1000 Å 

[165]. The gold/glass surface was functionalized using the steps outlined in Figure 35 and 

are characterized in depth elsewhere [166]. Briefly, IME-FD-Au electrodes were cleaned 

using acetone and immediately activated by 10 minutes of plasma treatment in a PDC-

32G plasma cleaner (Harrick Plasma, Ithaca, NY) (Figure 35A). Activated electrodes 

were submerged in 0.01 M ϒ-APS for 2 hours in the dark (Figure 35B). Electrodes were 

then cathodically cleaned in 0.1 M PBS from -1.2 to 0 V vs. Ag/AgCl at 0.1 V/s (Figure 

35C). Cleaned electrodes were then cured in a vacuum oven (20 min @ 40C, 10 min @ 

110C) to promote bonding between ϒ-APS and -OH groups (Figure 35D). Amine groups 

were then hydrated by submerging electrodes in DI water for 24 hours (Figure 35E). 

Electrodes were then immediately submerged in 0.1 mM APNHS to promote covalent 
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bonding of the amine of ϒ-APS and the NHS of APNHS (Figure 35F). Activated 

electrode surfaces were then ready for hydrogel deposition and crosslinking (Figure 35G). 

 

 

Figure 34. Glucose/Lactate sensitive hydrogel constituents 
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Figure 35. IME-FD-Au surface functionalization. 

(A) Electrode washing and -OH activation by plasma. (B) Adsorption of ϒ-APS. (C) 

Cathodic cleaning to remove groups from Au. (D) Oven curing of ϒ-APS. (E) Amine 

group hydration using DI water. (F) APNHS reaction. (G) Crosslinking of hydrogel 

to functionalized electrode. (Adopted from [166]) 

 

5.2.6 Chemiresistor Hydrogel Characterization 

Following hydration, fabricated chemiresistors were interrogated using 

electrochemical impedance spectroscopy (EIS) in solutions of increasing concentration of 

glucose/lactate (0 – 50.0 mM). Impedance spectra were recorded from 0.1 Hz – 1.0 MHz 

using a 10 mVpp sine wave using a VersaStat 4 (Princeton Applied Research, Oak Ridge, 

TN, USA). Before measurements, hydrogel electrodes were equilibrated for 5 minutes in 

each solution. Equivalent circuit analysis of acquired impedance spectra was completed 

using ZSimpWin (v3.60, Princeton Applied Research, Oak Ridge, TN, USA). 

Impedimetry of hydrogel electrodes subjected to dose-response of the glucose/lactate 
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solutions was carried out using a 1 Hz 10 mVpp sine wave. Hydrogels were placed in 

increasing amounts of analyte (0 – 50.0 mM) and temporal impedance was measured for 

100 seconds. This test was used to determine the limit of detection (LOD) (mM), response 

time (s), KD (mM), and sensitivity (/mM). 

5.2.7 Chemiresistor Biosensor Deployment 

Following characterization of the glucose and lactate chemiresistors, the electrodes 

were placed in the Wien bridge oscillator biosensor system and subjected to a dose 

response in the physiological ranges of each analyte: 0 – 10.0 mM glucose and 0 – 4.0 

mM lactate (see Table 12). The sinusoidal wave output from the system was recorded in 

LabVIEW 2016 (National Instruments, Austin, TX). The measured peak-to-peak voltages 

and DC offsets were used to calculate the apparent resistance of the chemiresistors. The 

resistances were then used to calculate the concentration of each analyte using a the Hill 

model [167]. Accuracy of chemiresistors were plotted as Clarke Error Grids, which are 

used as the “gold standard” for testing glucose sensor accuracy. The Clark Error Grid was 

modified for the lactate sensor by using values for hyperlactatemia, eulactatemia, and 

hypolactatemia shown in Table 4. 

5.3 Results and Discussion 

5.3.1 UV-Vis Spectra of Ultrasonicated GOx/LOx 

Figure 36 shows UV-Vis spectra from 300-600 nm of pristine and ultrasonicated 

GOx (A) and pristine and ultrasonicated LOx (B). The active site of GOx (FAD) is known 

to absorb at 381 and 452 nm in its natured form, and at 377 and 448 in its denatured form 

[168]. From Figure 36A, absorbance peaks of both GOx and sonicated GOx show peaks at 
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381 and 452 with no shifts. In agreement with previous reports, the data shown here shows 

no change in enzyme FAD signature after 5 minutes of ultrasonication [161]. The active 

site of LOx (FMN) is known to absorb at 374 and 451 nm in its oxidized form [169,170]. 

From Figure 36B, absorbance peaks of both LOx and sonicated LOx shown peaks at 360 

and 450 with no shifts. This confirms that the nano-bioconjugate processing via 

ultrasonication had not discernable deleterious influence on GOx or LOx structure. 

 

Figure 36. UV-Vis spectra of (A) pristine GOx and sonicated GOx (B) pristine LOx 

and sonicated Lox. 

 

5.3.2 Dynamic Light Scattering of Supramolecular SWCNT-GOx Conjugates 

After preparation of SWCNT-GOx and SWCNT-LOx conjugates, DLS was used 

to establish nano-bioconjugation. Figure 37A shows DLS of 3 samples: pristine 

SWCNTs, pristine GOx, and the SWCNT-GOx nano-bioconjugate. Native GOx has been 

measured through DLS to an average of 7.9 nm diameter [171], while SWCNT have been 

measured to an average diameter of 106 nm [172], in agreement with the figure. After 

conjugation, the particle size was measured to be 172.9 nm, indicating that a conjugation 
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of nano and bio-particles had occurred. Similarly, Figure 37B shows DLS of 3 samples: 

pristine SWCNTs, pristine LOx, and the SWCNT-LOx conjugate. Native LOx has been 

measured through DLS to an average of 11.67 nm diameter [173], in agreement with the 

figure. After conjugation, the particle size was measured to be 156.0 nm, indicating that a 

conjugation of nano and bio-particles had occurred. 

 

Figure 37. DLS intensity of (A) GOx-SWCNT and (B) LOx-SWCNT. 
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Figure 38. (A,B) GOx|CNT-PPy chemiresistor. (C) SEM of bare and platinized 

electrodes. 

 

5.3.3 Electrochemical Impedance Spectroscopy of Chemiresistor Hydrogels 

Electrochemical impedance spectra recorded from GOx and LOx gels are shown 

as Nyquist plots in Figure 39 and Figure 40, respectively. In both figures, the control 

hydrogels show no response to increasing concentrations of analyte, due to the lack of any 

enzyme. Interestingly, the hydrogels loaded with only enzyme showed similar impedances 

to the control gel but are sensitive to analyte at low frequencies, approaching DC. This 

response is likely due to the transfer of charge of the product of the enzymatic reaction, 

H2O2, transferring charge at the electrode, catalyzed by the platinum nanoparticles [174].  

Warburg (diffusion dependent) impedances are not apparent on any of the measured 

Nyquist plots, due to the large surface area of the electrodes [175]. Incorporation of CNTs 

results in significantly decreased impedance at low frequencies, due to the conductive 

nature of the carbon nanotubes. Bestemen et al. fabricated a similar system, in which 

overall conductance CNTs conjugated to GOx decreased upon introduction of glucose 

[176]. Further addition of PPy:PSS dispersed throughout the hydrogel served to decrease 
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overall impedance while retaining sensitivity to analyte. These low-impedance, analyte 

sensitive hydrogels are suitable for use as chemiresistors. 

 

Figure 39. EIS of GOx hydrogels in 0.0 - 50.0 mM glucose 

(A) Control gel, (B) GOx gel, (C) GOx|CNT, (D) GOx|CNT-PPy 
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Figure 40. EIS of LOx hydrogels in 0.0 - 50.0 mM lactate. 

(A) Control gel, (B) LOx gel, (C) LOx|CNT, (D) LOx|CNT-PPy 

 

Equivalent circuit analysis was completed using the modified Randles circuit 

(R(QnR) (Figure 41C), where the first series resistance, RM, is associated with the high 

frequency membrane resistance. The QDL (constant phase element) models an imperfect 

capacitor and is associated with the double layer capacitance at the interface of the 

electrode-electrolyte interface and where n represents the deviation from ideality (0n1). 
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In parallel with the QDL is RCT, the resistance associated with the transfer of charge across 

the polymer-platinum interface. The charge transfer resistances calculated from the 

Nyquist plots with respect to the concentration of glucose and lactate are shown in Figure 

40A and B, respectively.  

 

 

Figure 41. Charge transfer resistances of (A) GOx and (B) LOx gels in 0.0 - 50.0 mM 

analyte (n=3). (C) Modified Randles equivalent circuit. (D) Reduced and oxidized 

forms of PPy.  

 

From the plots of RCT with respect to analyte concentration, it is apparent that the 

plots resemble an inverse Michaelis-Menten plot, indicating that enzyme kinetics are 

being observed (with the exception of the control hydrogel).  Charge transfer resistances 

of enzyme loaded hydrogels (blue) decrease upon introduction into higher concentrations 
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of analyte. This is likely due to oxidation of H2O2 back to O2 at the platinum electrode 

surface [104].  Incorporation of CNT serves to decrease overall charge transfer resistance 

while retaining the ability of H2O2 to oxidize at the platinum electrode surface, or to 

facilitate DET from the active site of the enzyme directly to the electrode [177]. 

Incorporation of PPy:PSS nanoparticles serves to introduce another pathway of charge 

transfer as the H2O2 is produced by the GOx competitively serves to oxidize the polymer, 

thereby increasing its conductivity, as shown in Figure 41D [178]. 

5.3.4 Impedimetry of Chemiresistor Hydrogels 

Hydrogels were subjected to a standard dose-response bioanalysis through 

impedimetry, wherein the hydrogels were submerged in increasing concentrations of 

analyte for 100 seconds while the impedance was measured at 1.0 Hz. The dose response 

of GOx and LOx gels are shown in Figure 42A and B. From the dose response curve, the 

steady state impedance at each dose was extracted and used to plot calibration curves 

(Figure 42C and D), where the biotransducer response is plotted as a percent change from 

the initial resistance. This data was fitted by the Hill equation discussed in Chapter I 1.6: 

 
Δ𝑅 = 𝑅𝑙𝑖𝑚 +

𝑅0 − Rlim 

1 + (
𝑐
𝐾𝐷
)
ℎ 

(26) 

Where R is the change in resistance of the chemiresistor in presence of the 

analyte, Rlim is the limiting resistance measured at high analyte concentration, R0 is the 

initial resistance () of the chemiresistor with no analyte, c is the concentration of the 

analyte (glucose or lactate) (mM), KD is the dissociation constant (analyte concentration 

of which ½ of the GOx binding sites are occupied), and h is the Hill coefficient (mM) 
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[140,141]. The fit parameters extracted from the Hill model are shown in Table 6. The 

dissociation constants, KD, is a value associated with the concentration of analyte where 

half of the active sites of the enzymes in the hydrogel are occupied. The KD values of GOx 

and LOx were calculated to be similar, while incorporation of CNT and PPy:PSS served 

to increase the KD. All KDs fall within the physiological windows of glucose and lactate 

concentrations. The long response time of the chemiresistors can be attributed to the larger 

size and spacing of the electrodes. The sensitivity of electrodes was calculated over the 

linear response regime (0.0 – 0.1 mM analyte), showing that incorporation of CNT on its 

own decreases sensitivity (this may be due to a lesser amount of active enzyme in the 

bioconjugate after sonication and centrifugation). 
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Figure 42. Dose response of (A) GOx hydrogels and (B) LOx hydrogels in 0.0 - 50.0 

mM analyte. (n=3) 

 

Table 6. Biosensor characterization parameters extracted from impedimetry. 

 

 GOx 
GOx| 

CNT 

GOx| 

CNT-PPy 
LOx 

LOx| 

CNT 

LOx| 

CNT-PPy 

Hill Coefficient (h) 0.42 0.47 0.77 0.43 0.50 0.65 

K
D
 (mM) 1.30 1.73 1.70 1.30 3.06 2.69 

Limit of Detection (mM) 2.44 2.50 0.09 2.55 1.66 0.24 

Response Time (s) 77 56 58 96 92 86 

Sensitivity (/mM) 179 340 408 232 374 398 
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5.3.5 Chemiresistor Biosensor Deployment 

Simultaneous and concurrent peak-to-peak amplitude changes due to glucose 

concentrations and voltage offset changes due to lactate concentrations are shown in 

Figure 42A and B, respectively. From the measurements, approximate calculations of 

glucose and lactate were calculated in LabView using Equation 26 and the parameters 

calculated in Table 6 and are shown as Clarke Error Grids  Figure 43C and D. Clarke 

Error Grids were developed in 1987 to quantify the accuracy of glucose sensors by 

comparing the estimated value to the reference value [179]. The plot is divided into several 

regions labeled by letters: 

• Region A: Measured data in clinically accurate range (within 20% of 

reference value) 

• Region B: Measured data outside 20%, but inaction would be benign 

• Region C: Measured data of which predictions would lead to 

overcorrecting a non-problematic glucose concentration 

• Region D: Measured data would result in dangerous failure to measure 

hypo- or hyperglycemia 

• Region E: Measured data would result in catastrophic treatment if acted 

upon 

The peak-to-peak voltage changes occur under the rules of the feedback loop; 

therefore, the resistance was calculated using Equation 18 discussed in Chapter I 1.7: 

 
𝐴 =

𝑉𝑖𝑛
𝑉𝑜𝑢𝑡

= 1 +
𝑅3
𝑅4
> 3 (27) 
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Where the R3 is known, and R4 is the resistance of the glucose chemiresistor. The 

DC offset changes occur under the rules of the voltage divider; therefore, the resistance 

was calculated using Equation 21 discussed in Chapter I 1.7: 

 
𝑉𝑜𝑢𝑡 = 𝑉𝑖𝑛 ∗

𝑅2
𝑅1 + 𝑅2

 (28) 

Where Vout is the voltage measured as a DC offset, Vin is 3.3 V from the 

microcontroller, R1 is the 40k resistor, and R2 is the lactate chemiresistor.  

 

 

(A) Peak-to-peak voltage measured from oscillator circuit in glucose. (B) Offset 

voltage measured from oscillator circuit in lactate. Clarke Error Grids of (C) 

predicted glucose and (D) predicted lactate concentrations. (n=3) 

 

Figure 43. Glucose and lactate chemiresistor responses 



 

94 

 

The chemiresistor sensitivities were calculated by linear regression of the 

predicted data, resulting in a calculated sensitivity of b = 39.9 mV/mM for glucose 

(R2=0.957) and b = 31.8 mV/mM for lactate (R2=0.978). The LOD for each biosensor was 

calculated from the average of predicted concentrations in Figure 43C and D using 

Equation 29 [180]: 

 𝐿𝑂𝐷 = 3.0 ∗
𝜎𝐵
𝑏

 (29) 

Where B is the standard deviation of blank samples (0 mM) and b is the slope of the 

regression line. The LODs were calculated to 1.15 mM (glucose) and 0.54 mM (lactate). 

Using Pearson’s correlation statistical test [181] of the average predicted concentrations 

(n=3), the glucose biosensor system resulted in a correlation coefficient of 0.9452 (95% 

confidence interval: 0.7974 to 0.8860) with an R2 of 0.8933. The lactate biosensor resulted 

in a correlation coefficient of 0.9073 (95% confidence interval: 0.6746 to 0.976) with an 

R2 of 0.8232, indicating that there is a strong correlation between predicted and actual 

analyte concentrations.  

5.4 Conclusion 

A biologically responsive Wien bridge oscillator circuit was developed using a 

combination of traditional solid-state resistors and 2 chemiresistors, sensitive to glucose 

and lactate. Glucose and lactate sensitive hydrogels were created by incorporating 

CNT|enzyme conjugates with conductive PPy:PSS. The Wien bridge oscillator circuitry, 

built on a mask directly on the Arduino microcontroller (see Chapter IV) connected to the 

chemiresistors through a USB-micro cord, making a dose response in glucose and lactate 

solutions possible. The sinusoidal signal sent to a computer through Bluetooth was 
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recorded and used in the Hill equation to calculate predicted glucose (0-10.0 mM) and 

lactate (0-5.0 mM) concentrations in the physiological range.  
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CHAPTER VI 

SUMMARY AND FUTURE WORK 

Since its inception in the 1960s, electrochemical detection of glucose has 

undergone radical development toward the goal of sensitive, selective, miniaturized 

sensors for point-of-care, bed-side, or implantable devices. The use of stimuli-responsive 

polymers in biosensors has likewise been studied for decades, but only recently have they 

been used to their full extent either integrated with enzymes or as transduction elements. 

The integration of conductive stimuli-responsive polymers in biosensors and a push 

toward autonomous sensing and self-sufficiency seems to be an area requiring further 

study. 

Even more interesting is the push toward bridging the gap between traditional 

solid-state electronics and soft, bio-responsive electronics. In this study, both traditional 

electronics and soft, bioresponsive hydrogels were implemented together in a single 

system, where the single signal measured successfully carried with it information of 2 

analytes. 

As new materials are created or discovered for biosensing, such as the little 

understood carbon dot, considerable work is required to functionalize and utilize these 

molecules in biosensing. With new developments of systems integration, including the 

boom of 3-D bioprinting within the last decade, there are new opportunities for low-cost, 

rapid prototyping of 4-D responsive biosensor architectures which were not achievable 

before. The pairing of these new types and architectures of biosensors, nanomaterials, and 
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wireless communication and handheld devices, such as cell phones, remains a promising 

endeavor in telemedicine, remote healthcare, and biosensing. 

Future work in this study will comprise of further characterization and 

development of glucose and lactate responsive hydrogels to increase the sensitivity and 

limit of detection. Furthermore, more study is required on understanding the kinetics of 

an analyte sensitive system which is capable of both direct electron transfer (from the 

enzyme to the CNT) and mediated charge transfer (by the oxidation of PPy). Further 

development of fabrication methods, specifically using state-of-the-art 3-D printed bio-

responsive hydrogels is required. Covalent attachment of hydrogels directly to 

interdigitated electrodes (Section 5.2.5) will be further studied and perfected. 

Further development of the biosensor hardware will be studied, including a 

reduction in the externalized footprint to 40 x 20 mm (roughly the size of a wearable 

smartwatch). This will require management of the power delivery system such that a 3V 

button cell battery may be used instead of a 9V battery. New power management 

algorithms will be implemented to conserved battery life. Furthermore, the biotransducer 

electrode will be reimplemented as a 2-electrode needle style implantable device capable 

of being directly implanted in animals. Lastly, an interrogation algorithm will be 

implemented such that a reduction potential will be applied to the biotransducer, able to 

reset the oxidation state of the electroconductive hydrogel back to its less conductive 

reduced state during interrogation. 
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