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A wide variety of biomarkers are found in human sweat such as electrolytes, metabolites, small 

molecules and proteins. This renders human sweat to be highly suitable for non-invasive, lancet-

free diagnosis of biomarkers. For reliable detection, it is essential to detect biomarkers in their 

native state without adversely affecting their characteristics. Affinity based non-Faradaic 

electrochemical detection is a label-free technique which fulfills this objective. The purpose of 

this dissertation is to develop an affinity based wearable diagnostic platform for detection of 

biomarkers present in human sweat. This work focuses on optimal utilization of functional 

materials to develop wearable diagnostic platforms. Firstly, nanotextured zinc oxide thin film 

based sensors were designed and fabricated to operate with small volumes (~5 µL) of sweat on a 

flexible nanoporous polyamide membrane. Nanoconfinement and nanotexturing contributed in 

achieving amplified response leading to an ultrasensitive detection even in small volumes of 



 

viii 

sweat. Secondly, interactions between biomolecular solutions and a zinc oxide semiconductor 

surface were studied using electrochemical transduction to develop robust methodologies for 

immunoassay immobilization for detection of biomarkers. Capacitive charge modulations at the 

zinc oxide/biomolecular solutions interface were found to be proportional to the concentrations 

of biomarkers tested on the functionalized sensor surface. Lastly, room temperature ionic liquids 

were tested to enhance the stability of immunoassay for sustainable sensor performance. The 

developed sensor prototype demonstrated sensitive and stable non-Faradaic electrochemical 

detection of cortisol, glucose and interleukin-6 from human sweat. Thus, a combinatorial 

strategy of using zinc oxide as a functional material for non-Faradaic electrochemical detection, 

employing nanoporous flexible substrate to enable small volume based wearable biosensing and 

utilizing room temperature ionic liquid to sustain stability of affinity based immunoassay is a 

promising approach for robust wearable biosensing. 
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CHAPTER 1 

INTRODUCTION 

There has been a tremendous growth in the field of diagnostic biosensors in the past ten years. 

The global market for commercial sensors was estimated to be around US$12 billion in 2015 [1]. 

The biosensor is a device that uses specific biochemical reactions mediated by isolated enzymes, 

immunosystems, tissues, organelles or whole cells to detect chemical compounds usually by 

electrical, thermal or optical signals [2]. The biosensors market has witnessed huge growth in 

applications of diabetes monitoring, cardiac monitoring, defense practices and drug monitoring. 

 The new era of biosensors revolves around wearable sensors capable of on-body sensing. 

Wearable biosensors are devices that can be worn on body and are incorporated with biosensors 

that can monitor physiological information of the wearer. According to Transparency Market 

Research, the market potential for wearable biosensors is huge; reaching a market value of $18.9 

billion by 2018. The rising interest in wearable sensors is coherent with growing popularity of 

personal health management than centralized hospitalized patient care. This is mainly with an 

intention of reduced health-care costs that can be availed using personal health monitoring. 

Wearable health-monitoring devices represent an exciting opportunity in healthcare, promising 

to be the disruptive technology changing the status quo in patient care. Highly functional 

wearable biosensors that can also provide meaningful diagnostics to guide therapeutics would be 

extremely valuable to end-user consumers or health-professionals. In order to make wearable 

biosensors as successful consumer products it is important to demonstrate enhanced multiplexed 
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functionality, reliability, stability and ease-of-use. This chapter elaborates on the opportunities 

and challenges involved in wearable biosensing. 

1.1 Need for non-invasive wearable biosensors 

Basic metabolic panel is a series of blood and urine tests that gives information about body’s 

metabolism. These tests are done to evaluate kidney function, blood pH levels or acid-base 

balance and blood sugar levels. Urine and blood are routinely analyzed through standard 

analytical techniques such as Atomic Absorption Spectroscopy, Ion Chromatography, and Gas 

Chromatography, but these methodologies are relatively expensive and they are currently not 

suitable for miniaturization. Mostly these tests are carried out in lab and is a time consuming 

process incapable of bed-side monitoring in critical care. These tests include a panel of 

biomarkers which can also be detected non-invasively using a lab-on-a-chip device technology. 

For last few decades, significant progress has been made through development of diagnostic 

sensors using optical and colorimetric transduction [3-5]. But this progress was accelerated due 

to highly sensitive, cheap and fast detection using electrochemical sensors. Commercial hand-

held sensors, such as Lactate Scout (Sports Resource Group, Inc.), ACCU-CHEK (Roche 

Diagnostics, Inc.), iSTAT (Abbott, Inc.) for detecting metabolites and electrolytes are already 

available in the market. 

 However, most of the available devices are based on blood based detection and are still 

minimally invasive. Thus their frequent use is undesirable for checking of vitals especially for 

infants, elderly and haemophobic patients. Frequent monitoring is important mainly for critical 

diabetes patients where it is mandatory to check glucose levels 2-3 times a day. Also athletes 

would be interested in improving their performance based on level of fatigue measured using 
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concentration of ions such as sodium, potassium and chloride that maintain the physiological 

balance. Sensors can be used to monitor physical changes, diet, head trauma and stress during 

military training and missions. In order to balance between efficacy and toxicity of therapeutic 

drugs it is important to be able to monitor analyte concentrations in body fluids. All these 

applications require frequent supply of samples in the form of body fluids. It is evident that 

extraction of blood samples so frequently is not the most convenient way of monitoring. Hence, 

scientists are exploring other body fluids such as sweat, urine and saliva to achieve the on-body 

sensing in a non-invasive manner. 

 Sweat contains valuable medical information and it is easier to collect from patients as 

compared to blood or urine. The components of human sweat that are present in significant 

concentrations are listed in the literature [6-8] and are summarized in Table 1.1. Sweat can be 

used to monitor levels of basic metabolic panel ion such as sodium, potassium and chloride [9]. 

It can be used to monitor pathophysiology of hypoxia, ischemia through lactic acid [10, 11]. 

Cortisol, a stress biomarker is also expressed in sweat that can be utilized to monitor early signs 

of stress and fatigue [12]. Sweat analysis can be used to identify cystic fibrosis by monitoring 

cortisol concentration. Sweat can be used to monitor the levels of drug abuse [13, 14]. It can also 

keep an athlete informed about dehydration during training or practice and levels of essential 

ions as well as important biomolecules. A more than 2% drop in body mass to fluid ratio can 

cause fatigue, headache, dizziness and cramps [15]. Thus continuous sweat monitoring will 

contribute in knowing the limits and need for reenergizing for athletes. Human sweat contains 

ample information about the current health condition and thus is a brilliant body fluid for non-

invasive electrochemical sensing. 
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Table 1.1. Composition of human sweat: Major components 

 

1.2 Challenges in current wearable biosensing 

Most experimental investigations for sweat based wearable diagnostics using standard 

technologies are listed in Table 1.2. The technologies listed include mainly colorimetric, optical, 

electrochemical and electronic mode of transduction. Most of the colorimetric techniques are 

dye-based and produce results in qualitative format. The optical transduction techniques are also 

label-based and are not very suitable for translation into miniaturization or wearable sensor 

device as they mandate utilization of a light source and detector [16]. Thus currently available 
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wearable patches such as PharmCheck still need to be sent for the laboratory testing as they are 

only designed for sweat collection. The studies that demonstrated electrochemical transduction 

are mostly voltammetric or amperometric techniques that are label- based. Also these techniques 

have minimum voltage requirement of 150 mV- 0.7V which leads to high power consumption. 

The tattoo based wearable sensors are often placed connected to standard miniaturized 

electrochemical commercial potentiometer, making it uncomfortable for the user. 

 Almost all these techniques utilize at least ~10mL of sample volume (sweat) for the 

purpose of biosensing. As a result, they employ methodologies to obtain large volume of sample 

from the body. They either operate when the user is exercising or employ iontophoretic 

biosensing platform to stimulate sweating [17, 18]. The GlucoWatch, used iontophoresis to bring 

interstitial fluid through the skin to the external analytical platform [19]. However, it has been 

withdrawn from the market due to induced irritation problems in patients. The challenges in 

continuous monitoring of wearable biosensing devices lies in the ability to capture very small 

volumes of perspired sweat during normal periods of activity and utilize for efficient biosensing. 

 Thus there is a need to develop a wearable bio-sensing platform that is non-invasive, 

label-free and utilizes lower sample volumes, employs a transduction mechanism that can easily 

be incorporated into a wearable patch to analyze measured patient data such as non-Faradaic 

electrochemical sensing. 
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Table 1.2. Sweat based analyte detection 

Substrate  Analyte Recognition 

element 

Transduction 

mechanism 

Reference 

Platinum electrode 

on Glass with 

fluidic flow 

pH pH sensitive dye Colorimetry [18] 

Polyester/lycra pH BCP dye Optical [15] 

glass Na
+

, K
+

 HNQ thin films UV-absorbance [16] 

Microporous 

flexible substrate 
OH

-

,  H
+

, Cu
+,

 

Fe
+2

 

Copper traces  

forming capacitive 

electrodes 

Colorimetry and 

dielectric 

detection 

[20] 

- Glucose Electronic nose Electronic PCA 

analysis 

[21] 

Silicon pH , lactate Single Walled 

Carbon Nanotubes 

Amperometry [22] 

Polyester Chloride for 

cystic fibrosis 

Ag/AgCl Potentiometry [23] 

Temporary Tattoo Lactate Lactate oxidase Amperometry [11] 

Elastomeric stamps Uric acid Bare carbon Voltammetry [24] 

Cotton Yarn pH, 

ammonium, 

potassium 

Specific 

ionophores 

Potentiometry [25] 

 

1.3 Non-Faradaic electrochemical transduction 

Electrical biosensors can be divided into subcategories based on the electrical technique used for 

detecting the change in measurement that can be used as a calibration for sensing of a biomarker 

or analyte. The popular techniques that exist are voltammetry, impedance spectroscopy, 

amperometry, transverse current-voltage or orthogonal current-voltage characteristics, etc. In all 
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of these techniques, the surface functionalization of the sensor substrate carried out in order to 

detect the biomarker of interest, may or may not include labels bound to target molecule. These 

labels can be in the form of redox polymers, fluorophores, enzymes or any chemical or 

nanomaterial that can be bound to a target molecule and used to measure the concentration of the 

target biomolecule. The sensors with functionalized assay where, no label is introduced to 

measure the concentration of the target molecule at the sensor surface are called label-free 

biosensors [26]. Label free biosensors are advantageous especially in case of protein detection, 

as they do not change the protein conformation on interaction [26]. Also, it reduces the time and 

expense of assay preparation associated with labels. Label- free sensors enable real time 

detection of target-capture probe binding. Impedance spectroscopy is a great tool for label-free 

biosensing [27]. The changes in the dielectric properties or resistance at the interface of sensor 

surface and biomarker diluted fluid can be detected using this technique. Impedance 

spectroscopy applies an AC voltage V0sin (2πft) with a constant dc bias in a range of frequencies 

and reads the output current I0sin (2πft+φ) which has a different phase angle than the applied 

voltage [26, 27]. Using the output current and input voltage, impedance Z is calculated as given 

in equation Eq. 1.1.  

𝑍 =  
𝑉(𝑡)

𝐼(𝑡)
=  

𝑉0sin (2𝜋𝑓𝑡)

𝐼0sin (2𝜋𝑓𝑡+𝜑)
… … … … … … … … … … … … … … … … … … … … … … … … … … … ….Eq. 1.1 

This impedance is the total sensor system impedance which, can be related to interactions of 

target biomolecules on the sensor substrate. Thus the changes in impedance can be tracked to 

monitor changes due to binding of different concentrations of target biomolecule to the capture 

probe without using any label [28, 29]. 
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 The standard generalized schematic of label-free biosensor used is shown in Fig. 1.1. 

Crucial components and process flow of the sensor system are displayed in Fig. 1.1. The sensor 

substrate is selected based on the end user application of the biosensor. It can be a silicon wafer, 

PCB, glass, flexible materials, etc. The functional materials are generally selected to enable 

surface biofunctionalization of capture probes or bioreceptors. The functional materials also play 

a significant role in increasing the sensitivity, signal-to-noise ratio and sometimes selectivity of 

the biosensor. The increasing advances in the field of nanotechnology have made it possible to 

integrate 1D, 2D and 3D nanomaterials in the sensor design to enhance the performance of 

electrical biosensor. The ability to tailor the size and shape of nanomaterials to achieve desired 

functional properties offers multiple avenues to design novel sensing systems.  

 

Figure 1.1. Schematic of label-free biosensor. Different shapes of bioanalytes represent varied 

types of analytes such as enzymes, proteins and hormones. 
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 The cross linker is a chemical molecule that facilitates the chemical or physical linking 

between functional material and the capture probe [26]. The bioreceptor or capture probe is a 

molecule that is specific to the target molecule and chemically binds to the target probe as shown 

in Fig. 1.1. The commonly used bioreceptors are antibodies, enzymes, nucleic acids, etc. The 

electrical transduction methodology such as impedance spectroscopy translates the biomolecular 

complex interactions on the functional material and the substrate into a readable electrical signal. 

1.4 Leveraging metal oxide semiconductor-electrolyte interface for biosensing 

In order to optimize the utilization of semiconducting properties of materials for electrochemical 

sensing, it is essential to understand electrochemical aspects of the semiconductor- electrolyte 

interface. When an electrolyte comes in contact with a semiconductor surface, electrochemical 

interactions will occur to achieve equilibrium of their energy levels. The energy level of 

semiconductor, i.e., fermi level and energy level of electrolyte, i.e., redox potential will be 

aligned in equilibrium through charge exchange. Charge exchange occurs between electrons of 

semiconductor and ions of the electrolyte In that case, the current values will be dependent on 

concentration of ions in electrolyte, concentration of free carriers in semiconductor and the 

probability of exchange across the interface. 

 In case of n-type semiconductor, the fermi level is higher than the redox potential of 

electrolyte. Thus there will be transfer of electrons from semiconductor to electrolyte, causing 

the near surface bands to bend upward as illustrated in Fig. 1.2. Since this surface is not metallic 

but semiconductive, the charge will not lie on the surface but penetrate inside the semiconductor. 

As a result, electrostatic region, devoid of negative charge will be developed inside the 

semiconductor, known as space charge layer or depletion region. This space charge layer will 
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have capacitance associated with it due to its electrostatic nature. At the same time, electrical 

double layer (EDL) will be formed on the semiconductor surface called Helmholtz layer as per 

the Gouy-Chapman model. This is either due to adsorption of oppositely charged counter-ions 

and subsequent layer of co-ions or formation of surface bonds between surface states of oxide 

semiconductor and ion species in solution. This layer will also be capacitive in nature as shown 

in Fig. 1.2 

 

Figure 1.2. Sensor design with schematic of linker and immunoassay functionalized on ZnO thin 

film 

 

 The applied potential has an effect on space charge capacitance. The applied potential at 

which, there is no exchange of charge between semiconductor and electrolyte and energy levels 

ae in equilibrium is called flat band potential (Vfb).Thus by varying the DC bias of AC applied 

potential at a certain frequency, we can measure the space charge layer capacitance (Csc), which 

is also known as Mott-Schottky technique. Following equation Eq. 1.2 states the relation 

between Vfb and Csc, whereas equation Eq. 1.3 states the total capacitance across the interface as 

shown in Fig. 1.2. 
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1

𝐶𝑠𝑐
2 =

2

𝜀𝑠𝜀0𝑒𝑁𝐷𝐴2  (𝑉 − 𝑉𝑓𝑏  −  
𝑘𝑇

𝑒
) … … … … … … … … … … … … … … … … … … … … … … … … …Eq. 1.2 

Where, δ is the thickness of the (outer) Helmholtz layer, V is the electrode potential, ND is 

density of an electron donor, q is the elementary charge, εo the permittivity of vacuum, εs the 

dielectric constant of the semiconductor.  

1

𝐶
=

1

𝐶𝑠𝑐
+

1

𝐶𝐻
… … … … … … … … … … … … … … … … … … … … … … … … … … … … … … … … ….Eq. 1.3 

Where C is the total capacitance across interface and CH is the capacitance of Helmholtz layer. 

The two capacitors Csc and CH are modeled to be in series. This is because the relative positions 

of the solution energy levels with respect to the semiconductor band edge positions at the 

interface can be represented by the total potential difference V which is an addition of voltage 

across space charge layer and voltage across Helmholtz layer. [30]. 

 Thus using a semiconductor- electrolyte interface is beneficial as tuning of both of these 

capacitances can be leveraged for biosensing applications.  
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CHAPTER 2 

ZINC OXIDE FOR ELECTROCHEMICAL BIOSENSING 

2.1 Prior publication 

Rujuta D. Munje performed literature review and wrote the manuscript. Dr. Shalini Prasad 

reviewed and modified the manuscript. Sections 2.2, 2.3, 2.4, and 2.5 have been accepted as a 

book chapter under volume 6 - Applications: Functional Materials. These have been reproduced 

here by permission of the Wiley publications. 

2.2 Advancement in biosensors through nanotechnology 

Biosensors have evolved through multiple generations based on the advancements of the 

functional materials that are being used for detection of the biomolecule of interest. Functional 

materials can be characterized as materials possessing special properties such as magnetic, 

piezoelectric, high tensile strength, capacitive energy storage, etc. Functional materials can be 

liquid crystals, semiconductors, ceramics, colloids, thin films, lasers, optics or magnetic 

materials. The enrichment in the field of nanotechnology in terms of growth, fabrication and 

integration of nanomaterials into a sensor device has set a new paradigm for the form and 

function of sensor devices [31]. Nanotechnology provides new avenues to incorporate these 

desired features along with the ability to build small form factor and flexibility of sensor devices 

into wearable sensing [32]. The following sections will focus on the application of the 
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semiconductor functional material zinc oxide (ZnO) with respect to the synthesis and deposition 

techniques, material properties suitable for biosensing and its applications. 

2.3 Zinc oxide as a functional material 

Zinc oxide (ZnO) is a popular n-type, II–VI semiconductor. It is a compound semiconductor 

whose ionicity is at the borderline between covalent and ionic semiconductors. ZnO exists 

mainly in wurtzite and zinc-blende crystal structures as shown in Fig. 2.1. The 

thermodynamically stable phase at ambient conditions is wurtzite phase, shown in Fig. 2.1A. It 

has a hexagonal unit cell with two lattice parameters a and c, where c/a= 1.633. The structure 

consists of two closely packed interpenetrating hexagonal sublattices. It is known that the c-axial 

growth of each columnar ZnO structure within the film results in either zinc or oxygen surface 

terminations, which respectively creates either a polar (0001) or (0001 ̅) plane. The zinc blende 

crystal lattice is rather unstable and quickly transforms into wurtzite form. It can be stabilized by 

heteroepitaxial growth on cubic substrates. A schematic of the zinc blende crystal lattice is 

shown in Fig. 2.1B [33]. 

 ZnO is a biocompatible semiconductor material that has been used in numerous studies as 

functional material for biosensing. ZnO nanostructures are believed to be nontoxic and biosafe 

for in vivo applications and are widely used in cosmetics and drug carriers. ZnO has a wide 

direct band gap of 3.37 eV and high isoelectric point (IEP) of ~9.5 along with tunable electrical 

properties. The ZnO matrix is positively charged at pH 7. A higher band gap allows for higher 

breakdown voltages and the ability to sustain larger electric fields. The superior IEP allows for 



 

14 

 

Figure 2.1. Crystal structures of ZnO. (a) Wurtzite, hexagonal packing.  (b) Zinc blende, cubic 

packing. 

 

enhanced adsorption of proteins and linker biochemical molecules due to higher electrostatic 

attraction [34]. The electronic properties of ZnO can be modulated by controlling the extent of 

oxygen deficiency. Also the semiconducting properties of ZnO help in tuning the resistivity and 

surface charge distribution of the thin film to a suitable level in order to improve the signal to 

noise ratio, even in the presence of a complex medium like body fluids. Moreover, ZnO being a 

polar semiconductor can also address the issues of specificity in the biosensor. The surface 

terminations of ZnO can be used to achieve favorable linker chemistry. Particular deposition 

conditions can be used to achieve n-type ZnO material that grows in wurtzite crystal form. The 

advantage of this type of crystal form in ZnO is the availability of alternate stacked layers with 

zinc and oxygen terminations. The ability to modulate the surface states can be useful in 

achieving greater specificity of the sensor. 

2.4 Synthesis of ZnO nanostructures for biosensing applications 

A variety of one dimensional, two dimensional and three dimensional ZnO nanostructures 

synthesized by different physical and chemical growth mechanisms have been researched for 
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biosensing and diagnostic applications. The structural, electrical and chemical properties of ZnO 

vary according to the shape, size and surface chemistry of the nanostructures, as well as the 

growth mechanisms. ZnO nanoparticles, nanowires, nanobelts, nanoflowers, nanotubes, thin 

films, nanocombs, nanoflakes are some of the types of nanostructures found to be implemented 

for biosensing applications. The physical growth mechanisms primarily include evaporation 

techniques such as RF magnetron sputtering and pulse layer deposition (PLD). The chemical or 

wet growth mechanisms include hydrothermal growth, solid-liquid-solid (SLS) and atomic layer 

deposition (ALD). Due to the ease of fabrication, options for cheap growth mechanisms and 

ability to control the characteristic properties of nanaostructures, ZnO is an attractive choice for 

development of low-cost biosensing applications. The different synthesis approaches and their 

applications are summarized in Table 2.1. 

Table 2.1. Synthesis and application of ZnO for biosensing 

Nanostructure Growth Mechanism Application Reference 

ZnO thin film RF magnetron sputtering Glucose detection [35] 

ZnO nanoparticles Liquid based Triglyceride [36] 

ZnO nanowires Liquid based Glucose detection [37] 

ZnO nanoflower Liquid based Cholesterol [38] 

ZnO nanobelt Liquid based Urea [39] 

ZnO nanofork Liquid based Hydrogen peroxide [40] 

ZnO thin film Plasma enhanced chemical vapor 

deposition 

EGFR proteins [41] 
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Saha et al. studied RF magnetron sputtered ZnO thin films grown under different pressures (20-

50 mT) in a gas mixture of argon and oxygen. They demonstrated the effect of variable surface 

defects in ZnO thin films, on glucose detection. The electrochemical studies were carried out for 

biosensing of glucose. The surface of a ZnO thin film grown at higher pressure of 50mT was 

found to be most favorable for biomolecular orientation on the surface. This resulted in higher 

affinity of glucose oxidase enzyme towards glucose, improving the stability of the electrodes. 

Also, the lowered activation energy in the prepared matrix provided enhanced electron transfer at 

the electrode surface [35]. Narang et al. developed a composite of ZnO nanoparticles (NPs) using 

wet chemical method with reactants zinc nitrate and sodium hydroxide. They used chitosan 

(CHIT), which is a biopolymer used as a linker for bio-functionalization. ZnO NPs- CHIT 

composite was prepared for biofunctionalization on platinum (Pt) electrodes. Cyclic voltammetry 

was performed on the CHIT/Pt and ZnO NPs-CHIT/Pt composite. It was demonstrated that 

redox potentials of the ZnO NPs-CHIT/Pt electrode shifted towards the higher side as compared 

to CHIT/Pt electrodes. This study proved that there is an accelerated electron transfer due to the 

presence of ZnO NPs and ZnO NPs also provide a biocompatible environment [36]. Umar et al. 

fabricated flower shaped ZnO  on gold electrodes using in situ preparation with reactants zinc 

nitrate and hexamethylenetetramine. Cyclic voltammetry measurements were carried out after 

physical adsorption of cholesterol oxidase (ChOx) on ZnO nanoflower structures. Nafion was 

used to tightly attach the nanostructures and ChOx on the gold electrodes. The Michaelis-Menten 

constant was derived using cyclic voltammetry measurements and it was observed to be 2.57 

mmol which represents the highest affinity of ChOx towards cholesterol on the ZnO 

nanoflowers. A very high sensitivity of 61.7 μA μmol−1 cm
−2

 was also demonstrated, which was 
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attributed to the active sites of immobilized ChOx and the electrode surface which leads to a 

sharper and well-defined peak and also the large surface area due to the dimension and shape of 

the flower shaped nanostructures [38]. Reyes et al. developed a ZnO based TFT biosensor where, 

the ZnO thin film was deposited using plasma enhanced chemical vapor deposition and acted as 

an n-type conduction channel. The ZnO thin film was biofunctionalized with crosslinkers and 

monoclonal EGFR antibodies to act as capture probe. The drain-source current was observed 

with unfunctionalized ZnO –FET, where the positive bias at the gate causes a drain-source 

current purely due to the electron carriers in the ZnO thin film. As the surface was functionalized 

with EGFR antibodies, it acted as a resistive layer and decreased the current. For the third step, 

when EGFR antibodies were exposed to EGFR protein, it formed a positively charged tip 

complex protein that caused accumulation of electrons at the conduction path near gate. This 

amplified the drain current that was used as a calibration response due to different concentrations 

of EGFR [41]. This type of ZnO-bio-TFT has potential application in handheld and point-of-care 

diagnostics. 

2.5 ZnO nanostructure based wearable biosensors 

Wearable health-monitoring devices represent an exciting opportunity in healthcare. Providing 

patients with tools to track their own conditions, they could be empowered to take responsibility 

for their own health. Sweat contains valuable medical information and is perhaps the most 

suitable body fluid for designing non-invasive diagnostics platforms for consumer healthcare 

applications as compared to blood or urine [6]. 
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Table 2.2. Synthesis and applications of ZnO nanostructures on flexible substrates 

Nanostructure Growth mechanism Flexible 

substrate 

Application Reference 

ZnO nanowires Liquid based Plastic pH sensor [42] 

ZnO thin film RF magnetron 

sputtering 

Polyimide Ethyl glucuronide [43] 

ZnO nanowires Liquid based Polyimide Breath monitoring [44] 

 

Some of the applications that use ZnO for sweat based biosensing ae listed in Table 2.2. We used 

n-type semiconductor material zinc oxide (ZnO) as the active region in a three electrode setup 

for biosensing on polyamide substrates. We used the Pulsed Laser Deposition (PLD) technique 

to deposit ZnO thin films in the active regions [45]. PLD deposited thin films are highly 

crystalline and uniform with stable electrical properties even after deposition on flexible 

substrates [46]. 

2.6 Leveraging ZnO nanostructures for electrochemical sensing 

As discussed in section 1.4, preliminary data was collected to understand ZnO-electrolyte 

interface and utility of semiconductor material for development of biosensor. Dithiobis 

succinimidyl propionate (DSP), thiol based linker, functionalization was carried out after 

incubation of 3-5 µL of 5 mmol, 10 mmol, 50 mmol and 100 mmol DSP solution in dimethyl 

sulfoxide (DMSO) for 3.5 hours each on the sputter deposited ZnO thin films. We performed 

electrochemical impedance spectroscopy (EIS) measurements using two electrode system after 

applying 10 mV AC voltage with a frequency sweep of 1 Hz to 1 MHz. Mott-Schottky 
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measurement were performed after applying 10 mV AC voltage with 0 V to -1.5 V DC bias at 

100 Hz using three electrode system.  

 The schematic in Fig. 2.2 demonstrates the concept of binding interaction of DSP linker 

on the ZnO surface. Zinc-thiol bond is known to be formed on interaction of these two molecules 

[47, 48]. As the ZnO thin film used in this study is deposited in oxygen less environment using 

only argon flow, the thin film obtained consists of zinc interstitials or oxygen vacancies. Sadik et 

al. have studied the coverage of thiol linker on zinc and oxygen terminated surfaces, where they 

observed higher coverage of the linker on zinc terminated surfaces [47]. Thus when different 

DSP concentrations are dispensed on the ZnO thin films, their interaction can be captured using 

Mott-Schottky (MS) measurements. MS allows quantification of space charge layer capacitance 

formed inside the semiconductor near semiconductor/electrolyte interface due to the balancing of 

redox potential of solution and the fermi level of the semiconductor [49]. Equation 1.2 was used 

to calculate the flat band potential that represents the equilibrium condition as discussed in 

section 1.4. Fig. 2.2A demonstrates the Nyquist plot for 5 mmol to 100 mmol DSP concentration 

incubated on ZnO thin film. It can be observed from Nyquist plot that there is decrease in charge 

transfer resistance as the concentration of DSP is increased. This indicates increased occupancy 

of zinc interstitials due to binding of thiol on thin film. 
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Figure 2.2. EIS measurement of DSP concentrations. a) Nyquist plot for DSP concentrations 

varying from 5 mmol to 100 mmol. b) Bode magnitude and phase plot for DSP concentrations 

varying from 5 mmol to 100 mmol. 

 

Fig. 2.3A shows the MS plots for varying DSP concentrations from 5 mmol to 100 mmol and 

their linear fit. Fig. 2 3B shows the derived flat band potential from linear fit and it increases in 

value from -1.9 V to -2.5 V as DSP concentration is increased. This increased flat band potential 

can be correlated to the increased coverage due to binding of linker on zinc terminations. The flat 

band potential for 50 mmol and 100 mmol concentration is not significantly different. Thus 50 

mmol DSP is the saturating concentration. 

 The effect of binding of biomolecules due to electrochemical interactions on the 

semiconductor properties of ZnO was verified through Mott-Schottky analysis. The chapters 

ahead focus on detailed description on characterization, experimentation and analysis performed 

using ZnO semiconductor to build a sensitive, specific and stable biosensor platform on flexible 

substrate. 
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Figure 2.3. Mott Schottky analysis of DSP functionalization. a) Mott Schottky plot for varying 

DSP concentrations and linear fit. b) Derived flat ban potential from linear fit. 
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CHAPTER 3 

A NOVEL APPROACH FOR ELECTRICAL TUNING OF NANO-TEXTURED ZINC 

OXIDE SURFACES FOR ULTRA-SENSITIVE TROPONIN-T DETECTION 

3.1 Prior publication 

Rujuta D. Munje performed experiments, data analysis and wrote the manuscript. Michael 

Jacobs, Bilal Quadri and Dr. Nandhinee Radha Shanmugam collected preliminary data. Dr. 

Sriram Muthukumar and Dr. Shalini Prasad designed the experimentation and guided data 

analysis. This article is published in Analytical Methods journal in August 2015. This article 

describes the enhancement of an electrochemical sensor using zinc oxide nanostructures for 

ultrasensitive detection of the cardiac biomarker, troponin-T In this study; we analyzed bio-

functionalization of surface terminations, zinc and oxygen, of semiconductor material zinc oxide 

through specific linkers that will facilitate building of highly sensitive electrochemical biosensor. 

Reproduced by permission of the Royal Society of Chemistry and link to the article : 

DOI:10.1039/C5AY02052B. 

3.2 Abstract 

We have developed a label-free, non-faradaic, electrochemical sensor for ultra-sensitive 

detection of a cardiac biomarker, troponin-T by utilizing the stoichiometric surface compositions 

of nanotextured zinc oxide (ZnO) thin films. In this study, we show how the performance of a 

nanotextured zinc oxide based non-faradaic biosensor is modulated by differences in the 
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fabrication parameters of the metal oxide thin film as well as the choice of cross-linkers. Two 

cross-linking molecules, dithiobis succinimidyl propionate and 3-aminopropyl triethoxysilane, 

demonstrate significantly different binding chemistries with zinc oxide. The non-faradaic 

electrochemical behaviour of the sensor due to the two linkers is compared by analyzing the 

troponin-T dose response using electrochemical impedance spectroscopy (EIS). The sensor 

performance associated with both linkers is compared based on the dynamic range and limit of 

detection. The sensor utilizing zinc surface terminations demonstrated a wider dynamic range 

between the two linkers. This range extended from 26% to 54% in phosphate buffered saline and 

from 21% to 65% in human serum, for a concentration range from 10 fg mL
−1

 to 1 ng mL
−1

 of 

troponin-T. The limit of detection was found to be at 10 fg mL
−1

 and has potential utility in the 

development of point-of-care (POC) diagnostics for cardiovascular diseases. Fluorescence 

quantification analysis was also performed to further validate the specificity of the linker binding 

to the ZnO films. An ultrasensitive troponin-T biosensor can be designed by leveraging the zinc 

termination based surface chemistry for selective protein immobilization. 

3.3 Introduction 

Approximately 1.5 million cases of acute myocardial infarction (AMI) occur each year in the 

United States alone. Rapid and suitable treatment for AMI is possible if patients are diagnosed 

reliably in an early stage. Usually, this diagnosis is done using electrocardiographs that reduce 

the delay in treatment. However, coupling this technology with biomarker based diagnostics may 

enable robust diagnostics of AMI patients. It has been proved that cardiac-specific contractile 

proteins such as troponin have great potential for successful prediction of AMI. Troponin-T has 

enhanced specificity and efficacy, has higher diagnostic efficiency as compared to other cardiac 
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biomarkers and persists longer in circulation [50]. Cardiac troponin-T is a structural protein that 

is released into the bloodstream when damage to cardiac muscle occurs and is proportional to the 

intensity of damage. Its level remains elevated from 3.5 hours upto 10 days after the onset of 

stroke [51]. The normal serum troponin-T level is <0.01 ng mL
−1

. After a stroke, the serum 

troponin-T level can elevate upto 0.266 ng mL
−1

 or even higher [52].Quantitative point-of-care 

troponin-T assays are now available but most of them use optical transduction mechanisms, 

including electrochemiluminescence, which are not suitable for point-of-care diagnostics. Also, 

these techniques typically use labels or tags that modify the biomolecule conformation and 

increase the noise in measurement. 

 Electrochemical sensors are being widely used in the field of industry, medicine, and 

agriculture for their robustness as a sensitive, cost-effective, and rapid form of molecular 

detection [27]. Electrochemical detection of troponin-T reported previously had used carbon 

nanotubes supported by polyethyleneimine films and demonstrated a limit of detection (LOD) of 

0.033 ng mL
−1

 [53].Another study had demonstrated use of a streptavidin polystyrene 

microsphere modified screen-printed electrode surface in order to achieve the LOD of 0.2 ng 

mL
−1

 of troponin T [54] Additionally, another study had demonstrated templated 

electropolymerization of aminophenol (AP) in the presence of protein and achieved a LOD of 

1.5 μg mL
−
1 [55]. While these faradaic strategies have shown the sensitivity for POC clinical 

diagnostics, they present the challenge of modifying the molecule under test, which is a 

significant problem in designing protein immunosensor assays [27]. Hence, the use of non-

faradaic electrochemical transduction strategies for protein biomolecule detection and 

quantification has been demonstrated in this study. While non-faradaic techniques have been 
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shown to be highly sensitive, there have been challenges in achieving selectivity. In this paper, 

we address the challenge of achieving selectivity in non-faradaic ZnO thin film biosensors for 

protein detection by using cardiac troponin-T as the study protein through the utilization of 

stoichiometric distribution of surface terminations. 

 The surface and bulk properties of zinc oxide (ZnO) have for years made it an appealing 

material for industrial purposes such as gas-sensing, absorption8 and bio-sensing [56-59]. ZnO 

exhibits properties like wide bandgap, strong luminescence, high piezoelectric constant and 

biocompatibility[60]. The focus of this paper is investigating the use of ZnO for designing 

diagnostic protein biosensors, which will enable clinical point-of-care (POC) applications. One 

of the useful properties of ZnO is the ability to tune its electrical characteristics and surface states 

based on deposition [32]. The lattice structure of ZnO exhibits a tetrahedral arrangement through 

the alternate stacking of Zn
2+

 and O
2−

 ions. Due to the nature of its growth mechanism, each 

columnar ZnO structure terminates with either a polar zinc or oxygen surface [61]. These surface 

characteristics of ZnO films can therefore be leveraged for bio-sensing [47]. Tailoring the 

terminations on the polar ZnO surface would enhance the capacity of the film for performing the 

desired biochemical function, improving the sensor selectivity. 

 In this paper, we analysed the ZnO sputter deposited films with and without oxygen flow. 

The linker with a thiol group, dithiobis(succinimidyl-propionate) (DSP) that has specificity in 

binding to the zinc terminated sites was functionalized on ZnO thin films deposited without 

oxygen flow, while the linker with the presence of silane group, 3-aminopropyl triethoxysilane 

(APTES) that has specificity in binding to the oxygen terminated sites was functionalized on 

ZnO thin films deposited with oxygen flow. We have specifically focused on analyzing the 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#cit8
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methods of selective functionalization of surface terminations and investigating the biosensor 

performance for troponin-T detection from phosphate buffered saline (PBS). We have then tested 

human serum (HS) samples containing variable doses of antigen to demonstrate the potential of 

the sensor for clinical POC diagnostics. Quantification of each linker molecule bound to the ZnO 

surface and its utility in biosensor performance was evaluated by using non-faradaic EIS. This is 

supported through fluorescence analysis using fluorophores. 

3.4 Materials and methods 

3.4.1 ZnO deposition and substrate preparation 

EIS studies were performed using a Gamry Reference 600 potentiostat on FR-4 printed circuit 

board (PCB) substrates with electroplated gold electrodes shown in Fig. 3.1A. The gold 

electrodes measured 1 mm in width and are designed in an interdigitated, concentric circular 

fashion with 1 mm spacing between each. The diameter of the outer concentric circle measures 

13 mm. The entire portion of gold electrodes was covered with ZnO deposition. Fig. 3.1B shows 

the assembled sensor with polydimethylsiloxane (PDMS) manifold used for EIS testing. Fig. 

3.1C provides a visualization of the columnar nano-texturing of the ZnO film through SEM 

images taken using a Zeiss SUPRA-40 scanning electron microscope. The substrates used for 

fluorescence experiments were 25 × 75 mm microscope slides (Thermo Fisher Scientific Inc. – 

Waltham, MA). 

 ZnO thin films were sputtered onto each substrate using an AJA Orion RF magnetron 

with a 99.999% ZnO target (Kurt J. Lesker) for 30 minutes at 140 watt power. For the deposition 

of No–O2films 12 standard cubic centimeters per minute (sccm) flow of argon was used and for 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig1
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig1
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig1
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig1
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the deposition of With-O2 films a 2 sccm 100% O2 and 10 sccm argon flow rate was used in the 

sputter chamber. The thickness of the film deposited during each run was measured with a Veeco 

Dektak 8 profilometer and was ∼90–100 nm. The resistivity was measured using the Alessi 

CPS-7089-17 4-point probe and was around 34.3–64.5 Ω.cm on silicon substrates. 

 

Figure 3.1. (a) Sensor with sputtered ZnO over a gold electrode pattern; (b) assembled sensor for 

bio-sensing using EIS; (c) SEM of a nano-textured ZnO thin film; (d) immunoassay setup on the 

ZnO surface using DSP bound with troponin-T antibody; and (e) immunoassay setup on the ZnO 

surface using APTES bound with a troponin-T antibody. 
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3.4.2 Linker functionalization 

DSP is a homobifunctional cross-linking molecule consisting of two N-hydroxysuccinimide 

(NHS) groups attached to a spacer arm held together by a disulfide bond as shown in Fig. 3.1D. 

NHS esters react with primary amines in proteins to form stable amide bonds. A 50 mmol DSP 

(Thermo Fisher Scientific Inc. – Waltham, MA) was diluted in dimethylsulfoxide (DMSO) 

(Thermo Fisher Scientific Inc. – Waltham, MA) and incubated for 30 minutes. Thiol groups have 

an affinity for positively charged zinc ions based on formation of stable zinc–sulphur bonds. 

Hence, this type of thiol linker molecule preferentially binds to the zinc terminated surfaces on 

the ZnO film [47]. Three washes with 1× DMSO were then performed to remove any unbound 

DSP. 

 APTES (3-aminopropyl triethoxysilane), as shown in Fig. 3.1E, is an aminosilane 

molecule that silanizes by reacting with the hydroxyl groups on the oxide surfaces. The oxygen 

terminated ends of ZnO after forming hydroxyl groups allow for condensation reactions to occur 

between the APTES molecules and the ZnO surface [62]. Firstly, the substrates were sonicated in 

a solution containing APTES (Thermo Fisher Scientific Inc. – Waltham, MA) in ethanol 2% 

volume/volume for 1.5 minutes. These substrates were then dip coated in solution for 15 

minutes. After sonication in ethanol for 2 minutes, 10 minute baking at 100 °C in an enclosed 

nitrogen gas chamber was carried out. The substrates are baked in an inert environment to avoid 

silanization of APTES due to environmental oxygen. 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig1
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig1
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3.4.3 Immunoassay of non-faradaic EIS study and troponin-T detection 

After 50 mmol DSP linker was incubated on PCB substrates, they were incubated with a 

monoclonal antibody to troponin-T (Abcam – Cambridge, MA) at 1 μg mL
−1

 in PBS (Thermo 

Fisher Scientific Inc. – Waltham, MA). It was incubated for 30 minutes at room temperature 

followed by three PBS washes. The antibody concentration used and its incubation time were 

optimized for the current sensor configuration in our previous study [63]. Next, 200 μL of 

Superblock (Thermo Fisher Scientific Inc. – Waltham, MA) was dispensed onto the sensor for 15 

minutes to block any unbound linker sites. This was followed by three PBS washes and the 

measurement was obtained for the last wash. This reading corresponds to the baseline or zero-

concentration value for the experiment with which antigen-containing samples were compared. 

For experiments with HS, this wash was carried out with HS in order to determine the baseline. 

Troponin-T (US Biological – Salem, MA) was diluted in PBS and in HS (Thermo Fisher 

Scientific Inc. – Waltham, MA) from 10 fg mL
−1

 to 1 ng mL
−1

. Each solution was added from 

lower to higher concentration to the sensor and allowed to incubate for 20 minutes before the 

impedance measurement was taken. 

 When using the APTES linker, a 100 μL solution of 20 mmol 1-ethyl-3-(3-

dimethylaminopropyl) carbodiimide (EDC) (Thermo Fisher Scientific Inc. – Waltham, MA) and 

50 mmol N-hydroxysuccinimide (NHS) (Thermo Fisher Scientific Inc. – Waltham, MA) solution 

in PBS was prepared. Following the 15 minute incubation of the APTES coating on a ZnO 

sputtered PCB substrate, the EDC–NHS mixture was dispensed on the chips and incubated for 

30 minutes. This was followed by a 1 h incubation of a 1 μg mL
−1

 antibody to a troponin-T 

solution in PBS on the substrate. The EDC–NHS will first bind to carboxylic groups of the 
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antibody and the NHS-ester of EDC–NHS would bind to amine of APTES on the substrate. The 

EDC–NHS solution modulates the carboxyl groups of the antibody with an NHS group at the 

base of the heavy chain in the Fc region. This then allows for conjugation with the available 

amine group on the APTES molecules. This similar functionalization has been used by various 

other studies for the purpose of building a bioimmunoassay [64-66]. From this point, the 

remainder of the immunoassay preparation and troponin-T detection steps was identical to those 

performed with the DSP linker. 

3.4.4 Fluorophore study 

The qualitative analysis of binding of two types of linkers to the ZnO surface was done by 

attaching a Rhodamine 123 (Sigma-Aldrich – St. Louis, MO) molecule to the cross-linkers. This 

fluorophore molecule binds to the NHS end. 75 μL of 50 mmol DSP linker was incubated on 

ZnO sputtered glass substrates for 30 minutes. For the APTES linker, glass substrates were 

functionalized for 15 minutes as stated in Section 2.2. The EDC–NHS solution was incubated for 

30 minutes. Afterwards, for both linkers, 75 μL of 2 mmol Rhodamine 123 solution was injected 

onto the substrates and incubated for 1 hour. Fluorescence was characterized by capturing 

images using a Zeiss Axio Observer microscope with excitation at 480 nm and emission at 536 

nm, specific to Rhodamine 123 molecules. The substrates were exposed to excitation for around 

50 μs. In total 15 images were captured for each sample and 3 such samples were studied for 

each linker. Every image was further processed using the MATLAB image processing toolbox 

(Mathworks – Natick, MA) to find out the quantity of fluorescent pixels corresponding to the 

binding of Rhodamine 123 to the linker. 
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3.5 Results and discussion 

3.5.1 Troponin-T detection using EIS 

As summarized in the review by Randviir and Banks,4 EIS can be used towards the development 

of biocompatible surface chemistries for impedimetric immunosensing of biological samples. 

This work utilizes EIS for electrical quantification and analysis of linker driven biosensor 

performance over a range of frequencies from 0.1 Hz to 10 KHz. Nyquist plots of the troponin-T 

antigen aliquoted in PBS and immobilized at the electrode surface functionalized using DSP on 

No–O2 ZnO thin films are depicted in Fig. 3.2A. On similar lines, Fig. 3.2B represents Nyquist 

plots of the APTES linker on With-O2 ZnO thin films. Sensor measurements for both linkers 

were conducted with n = 3 replicates. It is to be noted that troponin-T concentrations ranging 

from 10 fg mL
−1

 to 1 ng mL
−1

 were tested for both linkers. The entire analysis is repeated for the 

troponin-T antigen diluted in HS with n = 2 replicates with the rest of the experimental 

parameters remaining the same. Nyquist plots for these experiments using DSP and APTES 

linkers are demonstrated in Fig. 3.2C and Fig. 3.2D respectively. 

 The shape of the Nyquist plots in all cases consists of a large semicircle region that is not 

accompanied by a straight line. The absence of a redox label produces only non-faradaic 

impedances. Thus the parameters quantifying the electron transfer in the equivalent circuit 

representation of the sensor system, such as Rct and Warburg impedance, become infinite [67]. 

This explains the shape of the Nyquist plots obtained across all experiments. 

 Furthermore, as the parameters Rct and Warburg impedance are infinite, they can be 

ignored in the sensor equivalent circuit representation. With these parameters ignored, the 

imaginary part of the equivalent circuit impedance, i.e., Zimag is inversely proportional to the 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#cit4
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig2
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig2
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig2
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capacitance of the electrical double layer (EDL), at a particular frequency. This EDL can be 

perturbed due to binding of antibodies and troponin-T antigen at the electrode surface. It can be 

observed from the graphs that in all the cases, the range of Zimag decreases as the concentration of 

troponin-T is increased. This can be attributed to the changes in capacitance of the EDL. The 

electrically charged troponin-T molecules alter the dielectric permittivity of the EDL thereby 

affecting the capacitance [67]. Thus in this case, the impedance decrease might have originated 

from the increase in the amount of hydrated proteins [67].  

 

Figure 3.2. Non-faradaic impedance spectra (Nyquist plots) for baseline and 10 fg mL−1 to 1 ng 

mL−1troponin-T concentrations: (a) troponin-T diluted in PBS and binding to an antibody 

functionalized using a DSP linker; (b) troponin-T diluted in PBS and binding to an antibody 

functionalized using an APTES linker; (c) troponin-T diluted in HS and binding to antibody 

functionalized using a DSP linker; and (d) troponin-T diluted in HS and binding to an antibody 

functionalized using an APTES linker. 
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 In addition to its impact on Zimag, the presence of higher surface concentration of 

troponin-T is also observed to lead to reduction in the value of Zreal. This observation can be 

potentially related to changes in the conductivity of solution gradient within the EDL due to 

accumulation of biomolecules. The observations associated with Zimag and Zreal are applicable to 

both PBS and HS. Additionally, in the case of dilutions in HS, an extremely slow electron 

transfer is observed[67]. This might be due to some species present in human serum undergoing 

electrochemical conversion, contributing to the slight charge transfer. 

 The difference in the surface chemistries of DSP based immunoassay and APTES based 

immunoassay can be interpreted from the shape of Nyquist plots. The Nyquist plots shown in 

Fig. 3.2A and Fig. 3.2C of the DSP based linker demonstrate a higher capacitive effect than 

resistive effect as the semicircle curve is not dropping at lower frequencies, indicating the phase 

angle to be higher than 50°. Whereas, under similar analysis for the APTES based immunoassay, 

it can be noticed from Nyquist plots that the semicircle has dropped at lower frequencies below 

0.5 Hz with the phase angle approaching 30°, indicating more resistive behaviour than capacitive 

behaviour. This performance is hypothesized due to the formation of a monolayer on the ZnO 

surface in the case of an APTES linker, but not present in the case of a DSP linker. 

 In the next part of analysis, baseline impedance measurement was used as a reference for 

comparison of change in impedance values for a range of antigen concentrations binding to the 

immobilized troponin-T antibody. The dose–response curves are demonstrated in Fig. 3.3, where 

the impedance change is plotted as a function of troponin-T concentration over a 10 fg mL
−1

 to 1 

ng mL
−1

 range by using the following equation Eq.3.1, 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig2
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig3
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig3
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#eqn1
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% Change in total impedance =
(Zbaseline(mod) – Zmod) 

Zbaseline(mod)
∗ 100 … … … … … … … … … ….    (3. 1) 

 

 It is to be noted that the quantitative analysis presented in Fig. 3.3 is performed using 

impedance at the frequency for which maximum signal-to-noise ratio is obtained (∼100 Hz). 

Furthermore, Zmod (total impedance) values were used for representing the dose–response curves 

as these also include resistive noise due to a complex fluid medium such as human serum. 

 

Figure 3.3. Dose–response curves in terms of percent change in total impedance Zmod upon 

sensing troponin-T concentrations from 10 fg mL−1 to 1 ng mL−1: (a) troponin-T diluted in PBS 

and binding to an antibody functionalized using a DSP linker; (b) troponin-T diluted in PBS and 

binding to an antibody functionalized using an APTES linker; (c) troponin-T diluted in HS and 

binding to an antibody functionalized using a DSP linker; and (d) troponin-T diluted in HS and 

binding to an antibody functionalized using an APTES linker. 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig3
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 For samples spiked in PBS from 10 fg mL
−1

 to 1 ng mL
−1

 and dispensed over a DSP 

functionalized linker, the change in impedance varies with the dynamic range of 26% to 54% as 

shown in Fig. 3.3A. For the APTES linker, it changes from 20% to 32% as shown in Fig. 3.3B. 

This indicates higher changes in electrical double layer impedance due to DSP and zinc 

termination interaction. We observed a linear correlation between percent change in impedance 

and logarithmically increasing surface concentration. Furthermore, the linear fit of the dose–

response curves in the case of DSP based immunoassay had R
2
 values of 0.9958 and 0.992 for 

the APTES based immunoassay. This linear correlation is hypothesized to be due to rise of 

Donnan potential, which depends logarithmically on the concentration of immobilized 

biomolecules [68].  

 For samples spiked in HS, as demonstrated in Fig. 3.3C, the DSP linker based 

immunoassay shows impedance changes in the dynamic range of 21% to 65% for varying 

antigen concentrations. For the APTES linker based immunoassay, as shown in Fig. 3.3D, the 

range reduced to 11% to 52%. The linearity coefficient of the dose–response curve decreases for 

both DSP (0.923) and for APTES (0.883) in the case of human serum as compared to the PBS 

buffer medium. It is hypothesized to be due to the complex nature of the human serum medium, 

where the resistive contribution due to interferents affected the total measured impedance. 

Limit of detection (LOD) is identified as the lowest troponin-T concentration likely to be reliably 

distinguished from the limit of blank and at which detection is feasible [69]. The limit of blank is 

estimated by measuring replicates of a blank buffer sample and calculating the mean result and 

standard deviation [69]. A signal to noise ratio of 3 was identified as the robust indicator of 

sensor performance and the specific signal threshold (SST) impedance as three times the noise 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig3
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig3
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig3
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig3
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signal is calculated. The noise level is defined as the difference in the reading between average 

antibody measurement and average baseline (zero dose) measurement [70]. The limits of 

detection in a PBS medium for DSP and APTES linkers were found to be 10 fg mL
−1

 and 100 fg 

mL
−1

 respectively. Comparing both the dynamic range and limit of detection in PBS, DSP 

functionalized surfaces perform better than APTES functionalized surfaces. However, in the case 

of HS, the limit of detection was observed to be 1 pg mL
−1

 for both DSP and APTES linkers. 

The dynamic range in HS was higher for DSP linker functionalized surfaces. Also, while using 

an APTES linker in a HS medium, the sensor saturates at 1 ng mL
−1

. The wider dynamic range 

with the DSP linker is advantageous when the sensor can be calibrated to obtain distinguishable 

higher percent change for the small changes in the concentrations of troponin-T to be detected. 

But at the same time lower limit of detection (LOD) needs to be achieved for ultra-sensitivity. 

Overall, it is evident that in both PBS and HS, the DSP linker binding to the ZnO surface is 

capable of achieving enhanced performance with greater precision as compared to APTES. 

 The LODs of 10 fg mL
−1

 and 1 pg mL
−1

 obtained using a DSP linker in PBS and HS 

respectively are lower than the commercial standards available currently in the market. Also the 

total diagnosis time for our biosensor was 15 minutes for a particular antigen concentration. A 

Cobas h 232 POC system available commercially has an LOD of 50 ng mL
−1

 and takes 8–12 

minutes for detection. Also, Elecsys TnT-hs, a laboratory based test by Roche, has a LOD of 5 

ng mL
−1

 and takes 18 minutes. A Cobas e 411 analyzer for troponin-T has a LOD of 10 ng mL
−1

 

and specifies 3–10 minutes as test duration time. All these products are based on the 

electrochemiluminescence assay. Thus the developed biosensor shows improved sensitivity and 

comparable time of detection over the commercially available market standards. 
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3.5.2 Fluorescence analysis 

We performed fluorescence studies to validate the binding specificity of DSP and APTES linkers 

to the ZnO surface through qualitative confirmation. These experiments provide visual 

confirmation of biomolecule binding. The linker molecules were modified with the fluorescent 

marker Rhodamine 123 for this study, which has the capability to bind to the same functional 

groups as the antibody in the immunoassay experiments. Fig. 3.4A displays the relative 

effectiveness of the binding of DSP and APTES linkers in terms of percentage of fluorescent 

pixel intensity. Higher fluorescent pixel intensity due to higher binding of Rhodamine 123 can be 

interpreted as the better coverage of the linker on the ZnO surface. Fig. 3.4B represents the 

image of the No–O2 ZnO surface binding to DSP and Fig. 3.4C displays APTES molecule 

binding to ZnO on With-O2 thin films. The fluorescence intensity was quantified based on a 

percentage, using equation Eq. 3.2, 

% fluorescent pixels =
 𝐹𝑙o 

Fl𝑡𝑜𝑡𝑎𝑙
100 … … … … … … … … … … … … … … … … … … … … … … … … (3. 2) 

 

 DSP shows approximately three times more binding on the ZnO surface than the APTES 

linker. This reiterates the utility of the zinc–thiol binding chemistry. Quantitative comparison of 

the two images confirms better fluorescent coverage in the case of a DSP linker. 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig4
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig4
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig4
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#eqn2
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Figure 3.4. (a) Fluorescent pixel comparison of DSP and APTES; (b) Rhodamine 123 

functionalized using a DSP linker on a ZnO nano-textured surface sputtered without O2; and (c) 

Rhodamine 123 functionalized using an APTES linker on a ZnO nano-textured surface sputtered 

with O2. 

 

3.5.3 Theoretical circuit analysis 

The equivalent circuit representation of the ZnO biosensor was accomplished through a specific 

arrangement of the system's passive elements and their interactions with each other. The insets of 

Fig. 3.5A and Fig. 3.5B  show the equivalent circuit model representation of the system for DSP 

and APTES linkers respectively. The resistance offered to the current flow due to molecular 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig5
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assembly is Rct. The resistance offered by bulk ionic components in the buffer solution is Rs 

while RZnO denotes the resistance of the ZnO film. The contribution of double layer capacitance 

at the solution–electrode interface is Cdl. In the case of the DSP linker, Cdl is referred to as CDSP. 

Note that CDSP is the capacitance of the double layer formed by the binding of biomolecules to 

the DSP linker. On similar lines, in the case of APTES molecules, Cdl is referred to as CAPTES 

which is the double layer capacitance formed from the binding of biomolecules to APTES. CZnO 

is the inherent capacitance of ZnO resulting from its wurtzite crystal structure and polar surfaces.  

 The equivalent circuit diagrams for DSP and APTES linker functionalized sensor systems 

are shown in Fig. 3.5A and Fig. 3.5B respectively. The Zn–thiol interaction based sensor is 

imagined to be consisting of inner layer and outer layer, where the inner layer is formed due to 

the binding of thiol in DSP to individual zinc terminations and the outer layer is formed due to 

the binding of biomolecules. The APTES–oxygen interaction based sensor is imagined to be 

consisting of only one RC component, assuming that APTES will form a continuous monolayer 

on the surface, establishing a connected platform for antibody–antigen interactions. These 

equivalent circuit models were further analyzed using the Zview software (Scribner Associates 

Inc. – Southern Pines, NC). A comparison of simulated and experimental data using the DSP and 

APTES linkers for the 10 fg mL
−1

 and 1 ng mL
−1

 troponin-T concentrations is shown in Fig. 

3.5A and Fig. 3.5B  respectively. All simulations were performed using a constant phase element 

(CPE) instead of simple capacitance as it reflects non-homogeneity of the layer and is considered 

more appropriate for modelling of primary protein layers on the electrode surface [27, 67]. The 

impedance values obtained experimentally were compared with the values obtained through 

model simulations using circuit diagrams. The difference between the simulated and 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig5
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig5
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig5
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experimental values was termed as an error and found to be less than 5%, which indicates 

relatively accurate fitting of the circuit model to the experimental data. EIS also allows for the 

identification of capacitance changes caused by the bio-recognition events at a metal oxide–

liquid interface.  

 

Figure 3.5. (a) Simulated and experimental Nyquist plots using a DSP linker for 10 fg mL−1 and 1 

ng mL−1 troponin-T concentrations diluted in PBS along with equivalent circuit diagram and 

extracted capacitance values; and (b) simulated and experimental Nyquist plots using an APTES 

linker for 10 fg mL−1 and 1 ng mL−1 troponin-T concentrations diluted in PBS along with 

equivalent circuit diagram and extracted capacitance values. 

 

 These capacitance values were extracted for the 10 fg mL
−1

 and 1 ng mL
−1

 troponin-T 

concentrations by fitting the experimental data using the equivalent circuit diagrams. In the case 
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of the DSP linker, the double layer capacitance varied from 1.1 μF to 1.8 μF over the range of 10 

fg mL
−1 

to 1 ng mL
−1

 troponin-T concentrations as shown in the inset table in Fig. 3.5A. 

Similarly, the inset table in Fig. 3.5B shows variation in double layer capacitance from 2.75 μF 

to 3 μF, when functionalized with an APTES linker. The data fitting to the equivalent circuit 

indicates the increase in capacitance of the double layer that is formed due to the antibody–

antigen binding. The increasing capacitance values are hypothesized to be due to variation in 

dielectric permittivity as discussed earlier in the Results section. 

 When a system is perturbed due to addition of higher troponin-T concentration, it relaxes 

to a new steady state. The time taken for this relaxation is known as time constant t = RctCdl. The 

analysis of this time constant gives an idea about the detection time. In the case of the DSP 

linker, the relaxation time was found to be 3.9 and 4.6 s respectively for 10 fg mL
−1

 and 1 ng 

mL
−1

 troponin-T concentrations. In the case of the APTES linker, it was found to be at 1.1 s for 

both 10 fg mL
−1

 and 1 ng mL
−1

 concentrations. Hence, it can be hypothesized that the detection 

time for lower and higher concentrations does not vary substantially. 

 These simulations were performed to understand the changes in the dynamic range of 

capacitance values due to the use of different linker chemistries. It can be observed that the 

dynamic range in terms of capacitance is wider for the DSP linker than that for the APTES 

linker. 

3.6 Conclusion 

Numerous studies have been done to build biomonitoring diagnostic devices that will enable 

AMI patients to track their own condition, empowering them to take responsibility for their own 

health. The aim of this study is to demonstrate the potential utility of ZnO based affinity 

http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig5
http://pubs.rsc.org/en/content/articlehtml/2015/ay/c5ay02052b#imgfig5
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biosensors for point-of-care diagnostics. In this study, we investigated the role of zinc and 

oxygen surface terminations by utilizing two types of surface chemistries to design an ultra-

sensitive ZnO based biosensor for troponin-T detection in human serum. The sensor performance 

was measured using non-faradaic electrochemical impedance measurements. Utilization of both 

DSP and APTES linkers resulted in the development of a biosensor that demonstrated linear 

dynamic range calibration for troponin-T within the clinically relevant concentration of troponin-

T from ∼10 pg mL
−1 

to 300 pg mL
−1 

in human serum. However, the enhanced performance of 

the sensor was achieved through leveraging the zinc–thiol interactions using DSP towards 

designing a robust immunoassay with the limit of detection as low as 10 fg mL
−1

. EIS studies 

based on capturing the response of modulation of an electrical double layer proved effective in 

quantifying the relative affinities of different linkers and evaluating the ability of each linker to 

exploit the ZnO surface terminations. Fluorescence studies were also useful in gaining the 

confirmation of binding of two linkers on the ZnO surface. This study has contributed towards 

identifying successful functionalization of a ZnO semiconductor surface for building a bio-

immunoassay, leading to ultra-sensitive detection of antigens. Hence, the results of this study are 

also very useful from the point of view of designing non-faradaic electronic detection systems 

using ZnO. Compared to current analysis techniques, this sensor demonstrates increased 

sensitivity as well as lowered complexity related to optical based detection. This work has 

demonstrated the potential for developing ultra-sensitive, novel diagnostic biosensors for rapidly 

detecting protein biomarkers for clinical point-of-care diagnostics. Future work includes testing 

this technology for multiplexed detection in order to build versatile POC devices. 
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CHAPTER 4 

FLEXIBLE NANOPOROUS TUNABLE ELECTRICAL DOUBLE LAYER 

BIOSENSORS FOR SWEAT DIAGNOSTICS 

4.1 Prior publication 

Rujuta D. Munje co-wrote the paper, performed the experiments and carried out data analysis 

and data interpretation. Dr. Sriram Muthukumar co-designed the research and performed data 

interpretation. Dr. Anjan Panneer Selvam commented on the final manuscript. Dr. Shalini Prasad 

co-designed the research, helped with data analysis and co-wrote the paper. This manuscript was 

published in Scientific Reports Journal in September 2015. This publication describes the study 

where the use of pulsed laser deposited ZnO thin films were demonstrated for ultrasensitive 

lable-free biosensing on flexible nanoporous substrate. The novelty of this application is 

demonstration of ultrasensitive biosensing using high charge density electrical double layer 

tuning achieved through nano-confinement. The motivation of this study is to develop a robust 

wearable diagnostic platform for sweat biomarker detection. This article is reproduced here by 

permissions of the Nature Publishing Group. doi:10.1038/srep14586.  

4.2 Abstract 

An ultra-sensitive and highly specific electrical double layer (EDL) modulated biosensor, using 

nanoporous flexible substrates for wearable diagnostics is demonstrated with the detection of the 

stress biomarker cortisol in synthetic and human sweat. Zinc oxide thin film was used as active 
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region in contact with the liquid, i.e., synthetic and human sweat containing the biomolecules. 

Cortisol detection in sweat was accomplished by measuring and quantifying impedance changes 

due to modulation of the double layer capacitance within the electrical double layer through the 

application of a low orthogonally directed alternating current (AC) electric field. The EDL 

formed at the liquid-semiconductor interface was amplified in the presence of the nanoporous 

flexible substrate allowing for measuring the changes in the alternating current impedance signal 

due to the antibody-hormone interactions at diagnostically relevant concentrations. High 

sensitivity of detection of 1 pg/mL or 2.75 pmol cortisol in synthetic sweat and 1 ng/mL in 

human sweat is demonstrated with these novel biosensors. Specificity in synthetic sweat was 

demonstrated using a cytokine IL-1β. Cortisol detection in human sweat was demonstrated over 

a concentration range from 10–200 ng/mL. 

4.3 Introduction 

Wearable health-monitoring devices represent an exciting opportunity in healthcare as it 

promises to be the disruptive technology changing the status quo in patient care. Providing 

patients with tools to track their own conditions, they could be empowered to take responsibility 

for their own health. Sweat contains valuable medical information and is most suitable body 

fluid for designing non-invasive diagnostics platforms for consumer healthcare applications as 

compared to blood or urine. Sweat can be used to monitor basic metabolic panel ion levels such 

as sodium, potassium and chloride [1]. It can be used to monitor pathophysiology of hypoxia, 

ischemia through lactic acid etc. [2]. Cortisol, a generic biomarker for stress is expressed in 

sweat with a wide dynamic concentration range which can be utilized to monitor physical 

changes such as fatigue during exercise as well as during military training and missions and is 

http://www.nature.com/articles/srep14586#ref1
http://www.nature.com/articles/srep14586#ref2


 

46 

also of relevance as a biomarker in detection of a number of health conditions such as cystic 

fibrosis3. Varying levels of cortisol are indicators of stress disorders such as Cushing’s syndrome 

and Addison’s disease [3]. Researchers have been trying to acquire this information from sweat 

using various lab-on a-chip and label free bio-electronic platforms towards designing body-worn 

monitoring devices. We used cortisol in this study to demonstrate the capability of the flexible 

bio-electronic platform for sweat based diagnostic and related applications for wearable 

electronics. The challenge in designing wearable biosensing devices for biomarker diagnostics 

lies in the ability to detect and quantify the target molecules from very small volumes of 

perspired sweat during normal periods of activity. In this study we demonstrate electrical double 

layer biosensors on flexible substrates that utilize 3–5 μL sample volume of synthetic and human 

sweat for ultra-sensitive and selective biomolecule detection. 

 Electric field control of charge carrier density in a semiconductor has been identified as a 

significant method for tuning the electronic states of condensed matter. When a semiconducting 

material interacts with liquid electrolytes, an electrical double layer (EDL) is formed, which can 

have significantly high charge carrying capacity , at time as high as 8.0 × 1014 cm
−2

 at ionic 

liquid/solid interfaces [4]. The EDL formed at semiconductor/liquid interfaces is majorly 

capacitive, due to the presence of a large interfacial capacitance and the ability for high-density 

charge accumulation and hence can be electrically tuned to achieve desired mode of operation. 

The double layer capacitance (CEDL) however is typically enhanced at the liquid-semiconductor 

interfaces when the interface is used for biosensing as result of formation of biomolecular 

complexes, especially in the case of affinity based electrical immunoassays [5]. CEDL changes 

actively with the concentration of biomolecular binding. The change in this CEDL can be 
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transduced with the required amplification by electrically modulating the high density charge 

carriers at the semiconductor-electrolyte interface. CEDL can then be used for quantitating 

biosensor device response to biomolecular interactions. The ability to enhance the charge storage 

within the EDL can be used to obtain enhanced sensitivity and wider dynamic range in detecting 

the target species due to enhancement in the signal to noise ratio. 

 One of the ways to enhance charge storage and signal transduction from a non-Faradaic 

CEDL is through nanoconfinement [6], which refers to the physical mechanism of confining 

molecules in size matched spaces. This is mainly because nanoconfinement affects the electron 

transfer kinetics and enhances charge screening effects due to the electric field distribution inside 

the nanoporous structure [7]. The formation of EDL on the electrode surface by attracting 

counterions in solution occurs for screening the charges due to the mobile carriers in the 

electrode surface. Thus if a molecule is more than a debye length away, it would not have any 

effect on the mobile charges in the electrode defying the purpose of label-free biosensing and 

electrostatic tuning of semiconductor surface [8]. For planar substrates used for biosensing the 

charge screening has to be adjusted by controlling the ionicity of buffer solution or by decreasing 

the length of capture probe molecules for example through the use of aptamers and peptide 

nucleic acids. In this study we are enhancing the charge screening through the approach of 

nanoconfinement using nanoporous substrate. More importantly it also results in amplified CEDL 

that facilitates measurable capacitance values for characterizing the changes at the liquid/solid 

interfaces. It also helps in controlled size-based diffusion of molecules within a porous media. 

Thus the decreased pore size facilitates customized variations in EDL thickness based on 

different biomolecules. Nanotextured surface has been reported to be very effective in increasing 
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the accessibility for effective binding of biomolecules to obtain ultra-sensitivity [9]. Due to the 

low CEDL on planar substrates, several studies using three terminal devices reported to date 

calibrate biosensing performance through direct current (DC) measurements that utilize change 

in resistance instead of alternating current (AC) measurements that utilize change in impedance 

and/or capacitance at the liquid/solid interface [10,11,12,13,14,15]. In this study, we attempt to 

characterize biosensing performance using AC based measurement methods with the CEDL 

amplified using nanoconfinement and contrast the output with DC based measurement methods. 

The performance and attributes of the novel biosensor can be successfully used in designing 

devices in direct contact with sweat for applications in wearable electronics operating at low 

voltages. 

 We used zinc oxide (ZnO) as the active region in a three electrode setup for biosensing as 

it is a biocompatible semiconductor material with a wide direct band gap of 3.37 eV and high 

isoelectric point (IEP) of ~9.5 along with tunable electrical properties. ZnO matrix is positively 

charged at pH 7. A higher band gap allows for higher breakdown voltages and ability to sustain 

larger electric fields. The superior IEP allows for enhanced adsorption of proteins due to higher 

electrostatic attraction [16]. Moreover, ZnO being a polar semiconductor can also address the 

issues of specificity in the biosensor. The surface terminations of ZnO can be used to achieve 

favorable linker chemistry. Particular deposition conditions can be used to achieve n-type ZnO 

material that grows in wurtzite crystal form. The advantage of this type of crystal form in ZnO is 

the availability of alternate stacked layers with zinc and oxygen terminations. These terminations 

have proved effective for the functionalization of linker molecules such as Dithiobis 

(Succinimidyl Propionate) (DSP) and (3-Aminopropyl) triethoxysilane (APTES) to build a bio-
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immunoassay and have higher sensitivity to adsorbed molecules [17,18]. Ability to modulate the 

surface states can be useful in achieving heightened specificity of the sensor. 

 

Figure 4.1. Structural characteristics of sensor. (a) SEM image of nanoporous polyamide 

substrate. (b) SEM image of bio-functionalized area of ZnO in sensor on nanoporous polyamide 

substrate. (c) Schematic of the biosensor configuration (d) actual sensor image. 

 

 We used Pulsed Laser Deposition (PLD) technique to deposit ZnO thin films in the active 

regions. PLD deposited thin films highly crystalline and uniform with stable electrical properties 

even after deposition on flexible substrates [19]. PLD deposited ZnO has also been used for 

glucose and cortisol detection, using enzyme based assays [20,21]. Fig. 4.1 show ZnO deposited 

on nanoporous polyamide substrate and the schematic of the sensor device. Parylene is deposited 

and patterned on the nanoporous polyamide substrate to isolates the entire sensor surface except 

the ZnO channel area from the liquid. Parylene fabrication is followed by transverse electrode 
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fabrication. ZnO is deposited and patterned on the nanoporous polyamide substrate within the 

area enclosed by Parylene so that there is small overlap with the transverse electrodes. The 

orthogonal, third electrode is then fabricated above ZnO region. Electrical isolation of the 

electrodes is verified post sensor fabrication to ensure functionality prior to biosensor 

characterization. 

4.4 Methods 

4.4.1 Materials 

Polyamide substrates were ordered from GE Healthcare Life Sciences (Piscataway, NJ, USA) 

with 0.2 μm pore size. The linker molecule Dithiobis (Succinimidyl Propionate) (DSP) and its 

solvent Dimethyl Sulfoxide (DMSO) is ordered from Thermo Fisher Scientific Inc. (Waltham, 

MA, USA). The α-cortisol antibody and cortisol hormone (Hydrocortisone) was ordered from 

Abcam (Cambridge, MA, USA). IL-1β antigen was bought from Thermo Fisher Scientific Inc. 

(Waltham, MA, USA). The antibody was diluted in 1X phosphate buffered saline (PBS, Thermo 

Fisher Scientific Inc., Waltham, MA, USA). Both cortisol hormone and IL-1β are diluted using 

synthetic sweat. The synthetic sweat was prepared as per the recipe stated in Table 2 of M.T. 

Mathew et al. [26]. The pH range is varied by varying the concentration of the components. 

Human sweat was purchased from Lee biosolutions Inc. (St. Louis, MO, USA), where it was 

collected from single human donor with pH ~ 4–5. No preservatives have been added to this 

product and it was stored unfiltered at below −20 °C. 

http://www.nature.com/articles/srep14586#ref26
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4.4.2 Sensor fabrication 

Fig. 4.1C shows the sensor platform deposited on nanoporous polyamide substrate substrate as 

well as the schematic of the stack of the materials. Parylene C of 1 μm thickness deposited using 

shadow mask prior to gold electrodes for insulation in Spin coating system (Specialty coating 

systems, Inc. Indianapolis, IN, USA). It is patterned such that it isolates the entire sensor surface 

except the ZnO channel area from the liquids. This will contribute in obtaining stable and 

reliable output response. Gold electrodes were patterned using shadow mask and deposited using 

e-beam cryo-evaporator. Pulsed laser deposition method was used to deposit ~90–100 nm ZnO 

thin films on flexible polyamide substrates at 10 mTorr pressure and 100 °C temperature using 

PLD system (Neocera, LLC. Beltsville, Maryland, USA). ZnO is carefully patterned such that it 

overlaps with the two electrodes except at the contact pads. The third electrode made of gold is 

then patterned carefully above ZnO such that it does not short-circuit the other electrodes. 

Electrical isolation of the electrodes is verified post fabrication. 

4.4.3 Structural and electrical characteristics 

Hall measurements were performed on ZnO deposited glass substrates using 8400 series HMS 

(Lake Shore Cryotronics, Inc.Carson, CA, USA). Hall measurements performed using glass 

substrate reveal the resistivity of the deposited film to be 0.02 Ω/cm and mobility was 

18 cm
2
/V.s. In order to investigate the growth of ZnO on flexible porous polyamide substrate, 

structural characterization was done using SEM images captured using SUPRA SEM (Zeiss, 

Oberkochen,Germany). Fig. 4.1A and Fig. 4.1B show SEM images captured at different stages 

of the sensor. The Fig. 4.1A is SEM of polyamide substrate and confirms the porous and fibrous 
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entangled nature of polyamide substrate with a pore size of around 200 nm. This porous substrate 

will allow for easy flow of liquids to active layer of ZnO thus allowing for less incubation time. 

Fig. 4.1B shows the ~20–30 nm diameter nanostructured ZnO on polyamide in the sensor 

focused in the channel area. Inset shows the zoomed image of the same clearly showing the ZnO 

exposed for molecular binding. 

4.4.4 Sensor performance 

All the solutions are dispensed on the sensor from backside. ZnO surface was functionalized 

with 3–5 μL of 10 mmol DSP linker after incubation of 2 hours. The PBS wash was carried out 

followed by 15 min incubation of 3–5 μL of 10 μg/mL α-cortisol antibody. Various dilutions of 

cortisol in synthetic sweat from 1 pg/mL to 100 ng/mL were dispensed after antibody incubation. 

Each cortisol concentration was incubated for 15 minutes on the sensor surface prior to 

measurement. The specificity of the biochemical assay was tested by performing cross-reactivity 

experiments using the interfering protein molecule IL-1β antigen in synthetic sweat with cortisol 

antibody. Sensor calibration response was obtained in human sweat with increased cortisol 

concentration doses from 1 ng/ml to 200 ng/mL with n = 3 replicates of chips. The dependence of 

fractional change in dose impedance wrt baseline impedance on cortisol concentration was then 

rationalized. Two test sample chips with 50 ng/mL and 150 ng/mL cortisol concentration doses 

on each were also measured with 3 iterations. The average readings were then compared with the 

values obtained from calibration dose response in human sweat. These experiments were 

performed using both AC (EIS) and DC modulation on polyamide substrate at each step of 

building of the bio-immunoassay. EIS measurements were taken by recording current flow using 

a potentiostat (Gamry Instruments, Warminster, PA, USA) after applying 10 mV AC voltage 
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with a frequency sweep of 1 Hz to 1 KHz. The sensor signal was recorded using a 4200 SCS 

(Keithley Instruments Inc. Cleveland, Ohio, USA) and a Summit probe station (Cascade 

Corporation, Portland, Oregon, USA) The orthogonal voltage of −1 V to 1 V was applied in steps 

of 0.01 V at constant 0.1 V transverse voltage. Also the current flow in transverse direction was 

measured by sweeping the transverse voltage from −1 V to 1 V in steps of 0.001 V at a constant 

orthogonal voltage of 0 V. All the measurements are carried out in dark and under ambient 

temperature conditions. 

4.5 Results 

The spatial and temporal changes to the charges in the EDL were monitored using DC-

transconductance measurements and AC-electrochemical impedance spectroscopy (EIS) 

measurements. 

4.5.1 Comparison of CEDL obtained using planar glass substrate with nanoporous flexible 

substrate 

In Fig. 4.2A the semiconductor-solution interface is formed when 3–5 μL of synthetic sweat is 

wicked on to the flexible biosensor. A potential of 10 mV is applied across transverse electrodes 

which results in the migration of the charged ions (sodium, potassium, chloride, ammonium, 

bicarbonate, phosphate and sulphate, etc.) present in synthetic sweat (pH ~ 4–8 and conductivity 

of solution is 14.2 mS/cm) to form the EDL. When the dispensed solution comes in contact with 

the semiconductor surface the EDL is modulated through the accumulation or conjugation of 

biomolecules at the liquid/semiconductor surface. EIS measurements with voltage frequency 

ranging from 1 Hz to 1 kHz are performed to validate the enhanced charge accumulation in the 
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EDL. CEDL was derived from Zimag, the imaginary part of the impedance and based on the 

equivalent circuit model (see supplementary of [45]). The bio-molecular interaction within EDL 

causes high charge carrier density accumulation in the semiconductor and as a result the 

capacitance of double layer increased from a baseline measurement of 2.93 μF·cm
−2

 to 

3.53 μF·cm
−2

 and 4.95 μF·cm
−2

 for the detection of cortisol at its lowest and highest 

concentration from 1 pg/mL to 100 ng/mL respectively. In order to verify that the 

nanoconfinement enables high EDL capacitance, EIS performance is compared for sensors 

fabricated with ZnO on planar glass substrate and with ZnO on nanoporous flexible substrate. 

 

Figure 4.2. Comparison of the formation of EDL at the interface of the zinc oxide thin film on 

nanoporous flexible polyamide substrate and on planar glass substrate. (a) cross-section of ZnO 

surface on the flexible nanoporous polyamide substrate with modification to EDL during 

immobilization of biomolecules. (b) CEDL measured at room temperature using impedance 

spectroscopy when ZnO surface is functionalized with DSP linker between glass substrate vs. 

nanoporous polyamide substrate. (c) Capacitance ranges for ZnO on flexible nanoporous 

polyamide vs. ZnO on planar glass substrates for each step of the assay over the frequency 

ranges associated with cortisol detection in synthetic sweat. 
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 Fig. 4.2B shows the comparison of CEDL obtained from ZnO thin films after 

functionalizing it with DSP linker on ZnO on planar glass substrate and ZnO on nanoporous 

polyamide substrates (see supplementary of [45]). At this immunoassay stage of the sensing 

surface functionalized with the linker, the nanoporous polyamide substrate produced capacitance 

of 1.36 μF·cm
−2

 to 0.13 μF·cm
−2

 from 1 Hz to 1 kHz frequency. In the case of glass substrate the 

value of CEDL was observed to be one order or more lower from 0.045 μF·cm
−2

 to 

0.0045 μF·cm
−2

 from 1 Hz to 1 kHz frequency. The CEDL obtained from ZnO thin films for each 

of the immunoassay steps on nanoporous polyamide as well as planar glass substrates is 

compared in Fig. 4.2C. Nanoporous polyamide substrate produced a baseline capacitance of 

4.42 μF·cm
−2

 to 1.22 μF·cm
−2

 from synthetic sweat in the absence of cortisol from 1 Hz to 1 kHz 

frequency and it varied from 4.72 μF·cm
−2 

to 1.18 μF·cm
−2

 for 1 pg/mL cortisol and from 

7.6 μF·cm
−2

 to 1.58 μF·cm
−2

 for 100 ng/mL cortisol concentrations over the same frequency 

range. In case of glass substrate, the value of CEDL was observed to be at least one order lower 

from 0.23 μF·cm
−2

 to 0.076 μF·cm
−2

 from synthetic sweat in the absence of cortisol (baseline) 

from 1 Hz to 1 kHz frequency and it varied from 0.28 μF·cm
−2

 to 0.07 μF·cm
−2

 for 1 pg/mL 

cortisol and from 0.44 μF·cm
−2

 to 0.14 μF·cm
−2

 for 100 ng/mL cortisol concentration over the 

same frequency range. For planar electrodes the applied potential to the EDL needs to be 

substantially high, i.e., in the range of 1–10 V to be able to achieve similar capacitance 

modulation as observed for nanoporous substrate. But application of potential in higher range 

can cause damage to the biomolecules such as proteins, causing them to denature. This issue is 

not seen on the nanoporous flexible substrate due to the enhanced charge accumulation resulting 

from nanoconfinement at lower voltages in the range of 10–50 mV. 

http://www.nature.com/articles/srep14586#f2
http://www.nature.com/articles/srep14586#f2


 

56 

4.5.2 Calibration of sensor using AC modulation in synthetic sweat 

The modulation in CEDL was captured using AC measurements in the form of EIS. Fig. 4.3 shows 

the results of calibration of EIS measurements for cortisol concentrations of 1 pg/mL to 

100 ng/mL along with the measurement at zero dose, which is considered to be baseline 

measurement. This baseline measurement was carried out for the synthetic sweat buffer of 

pH ~ 4–8, on nanoporous flexible substrate with ZnO. It was observed that the baseline 

measurement (in terms of Zmod) at 1 Hz varied from 312 kΩ to 340 kΩ and at 1 KHz from 

1.6 kΩ to 2.4 kΩ within the pH range of 4–8 (see supplementary of [45]) and thus did not vary 

substantially. Further measurements were carried out using synthetic sweat at pH 8. EIS 

measurements track the dynamics of changing Zreal, i.e., resistive and Zimag, i.e., imaginary 

(mainly capacitive) impedance of the sensor system. Hence EIS can be used to find out critical 

performance parameters of sensors such as limit of blank (LOB), limit of detection (LOD) and 

linear dynamic range (LDR). 

 The performance of sensors on planar vs. nanoporous substrate for cortisol detection was 

compared based on these parameters (see supplementary of [45]). Five sensors were tested for 

their performance with EIS using cortisol. The dynamic changes in Zimag and Zmod (total 

impedance) for ZnO deposited nanoporous flexible substrate are represented in Fig. 4.3A and 

Fig. 4.3C respectively. It can be observed from Fig. 4.3A and Fig. 4.3C that the baseline when 

Zimag variations are observed is 340 kΩ and that of Zmod variations is 323 kΩ and does not differ 

substantially. Thus Zreal (real impedance due to resistive components such as buffer solution) part 

of total impedance does not affect the measurements and both Zmod and Zimag can be used to 

observe impedance variations. Fig. 4.3B represents the changes in Zimag for planar glass 
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substrate. The variation in Zimag for nanoporous substrate in Fig. 4.3A was observed to be from 

260 kΩ to 165 kΩ and was found to be 5100 kΩ to 3260 kΩ for planar substrate as shown in Fig. 

4.3B as the cortisol concentration is varied from 1 pg/mL to 100 ng/mL. Lower Zimag in case of 

nanoporous substrate indicates higher CEDL value as the Zimag values are measured at same 

frequency for both substrates. These results demonstrate that there is higher biomolecular 

binding causing enhanced charge accumulation in case of nanoporous flexible substrate. Fig. 

4.3D compares critical performance parameters of sensors built on two substrates, i.e., planar 

glass and nanoporous flexible polyamide substrate. The LOB, LOD and LDR were calculated 

from Fig. 4.3A and Fig. 4.3B in terms of capacitance at the interface. The specific signal 

threshold (SST) was calculated keeping in mind a signal to noise ratio (SNR) of minimum 3 

(refer to the Supplementary online). The LOD and LDR for planar glass were found to be at 

10 pg/mL and 0.13 μF·cm
−2

 respectively whereas for nanoporous polyamide substrate displayed 

an LOD and LDR of 1 pg/mL and 2.9 μF·cm
−2

 respectively. The percentage ratio of LDR to 

LOB was 45% for planar glass whereas polyamide substrate showed the ratio to be 65%. The 

dynamic range is in terms of capacitance variation was observed to be higher by at least one 

order for polyamide substrate as shown in Fig. 4.3D. The percentage change in impedance 

shown in the inset of Fig. 4.3A, Fig. 4.3B and Fig. 4.3C is calculated by finding the relative 

variation of Zimag as well as Zmod impedance from the baseline measurement using expression 

((Zbaseline- Z)*100/ Zbaseline). The percentage of Zimag impedance change is observed to be 

increasing from 19.6% to 48.6% for the range of 1 pg/mL to 100 ng/mL cortisol for polyamide 

substrate and for planar glass was found to be varying from 2.5% to 37.9%, where 2.5% for 

1 pg/mL is not beyond SST. Since the charge carrier density at the interface is higher in case of 
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polyamide substrate, it is reflected in the total capacitance at the interface for two substrates at 

each immunoassay step. This data confirms the wider dynamic range for polyamide substrate as 

compared to planar glass substrate sensors when tested with EIS. 

 

Figure 4.3. Sensor performance evaluation in synthetic sweat using AC modulation through EIS. 

(a) Change in imaginary impedance Zimag for varying cortisol concentration of 1 pg/mL to 

100 ng/mL on nanoporous polyamide surface with ZnO. (b) Change in imaginary impedance 

Zimag for varying cortisol concentration of 1 pg/mL to 100 ng/mL on planar glass surface with 

ZnO. (c) Change in total impedance Zmod for varying cortisol concentration of 1 pg/mL to 

100 ng/mL. In all cases inset represents percentage change in impedance with respect to baseline, 

i.e., zero dose. (d) Comparison of sensor performance parameters obtained after analyzing EIS 

measurements for ZnO thin films on planar glass vs. nanoporous flexible substrate. 
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4.5.3 Calibration of sensor using DC modulation in synthetic sweat 

DC measurements included measuring standard transfer characteristics of three electrode sensor 

system. Changes in transverse current were observed by varying orthogonal and transverse 

voltages, one at a time while the other voltage was kept constant. Five sensors fabricated 

separately on nanoporous substrates were tested for the consistency in performance using 

cortisol. Fig. 4.4A shows change in transverse current as orthogonal voltage is varied from −1 V 

to 1 V for different bio-immunoassay steps. These measurements are taken at a constant 

transverse voltage of 0.1 V. The variation of current from 4.1 mA to 2.5 mA due to different 

cortisol concentrations of 1 pg/ml to 100 ng/mL is observed. It is evident from Fig. 4.4A that 

baseline was differing by less than 0.5 mA over the range of 1 pg/mL and 100 pg/mL cortisol 

concentrations. The higher concentrations showed less than 2 mA deviation from the baseline 

current response. Fig. 4.4B shows the transverse current vs. transverse voltage characteristic for 

different steps of the bio-immunoassay. These measurements were taken at a constant orthogonal 

voltage of 0.1 V. The Fig. 4.4D shows the slopes of the transfer characteristic calculated at each 

immunoassay step (ΔI/ΔV) in transverse direction. This indicates change in conductance 

between two electrodes as different biomolecules are functionalized on ZnO surface. It was 

observed that the slopes of the graphs varied from 19.1 to 8.7. The slopes at 1 pg/mL and 

100 pg/mL concentration were 12.8 and 12.7 respectively very close to the slope of baseline 

measurement of 13. The antibody-hormone EDL formation is not being detected by DC 

measurement as the DC voltage applied is at a constant frequency and therefore is unable to read 

into the charge modulation occurring due to bioconjugation in EDL. The range of change in 

slope in Fig. 4.4D for 1 pg/mL to 100 ng/mL was 12.8 (2%) to 8.7 (33%) wrt baseline, where the 
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baseline measurement was almost overlapping with output curves of lower concentrations 

1 pg/mL and 100 pg/mL. The specific signal threshold was at 9.7 (25.4%) and the limit of 

detection was at 100 ng/mL. 

 

Figure 4.4. Sensor performance evaluation in synthetic sweat using DC modulation. (a) Change 

in transverse current for varying orthogonal voltage at constant transverse voltage of 0.1 V for 

each immunoassay. (b) Change in transverse current for varying transverse voltage at constant 

0 V orthogonal voltage for each immunoassay step. Inset shows transverse current-voltage output 

curve with applied transverse voltage from 0 V to 3 V and 3 V to 0 V for each immunoassay step. 

(c) Transverse current values under orthogonal voltage for each step of immunoassay for 

constant transverse voltage at 0.1 V and 0.5 V. (d) Change in the slope for every immunoassay 

step calculated from Fig. 4b. 

 

 This analysis establishes the limitation of transverse DC measurements in detection of 

lower concentrations of analytes. Fig. 4.4B inset shows the output curves when transverse 

current measurements were carried out by varying the transverse voltage from 0 V to 3 V and 
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vice versa. Hysteresis was seen for higher transverse voltage range beyond 1.5 V which indicates 

of the possibility of biomolecules denaturing at higher applied potentials. From the Fig. 4.4, it is 

confirmed that DC measurements are inadequate for obtaining a wider dynamic range of 

detection. 

4.5.4 Comparison of sensor performance using AC and DC modulation 

In order to assess whether AC or DC modulation is most suitable for measuring biosensor 

performance, capacitance was extracted from both the output curves. For AC (EIS) 

measurements, capacitance (CEDL) is derived from Zimag part of the impedance measured. 

 The slope of the transfer characteristic where orthogonal voltage is varied can be termed 

as transconductance (gm). This value can be used to derive the interfacial capacitance (Cin) 

observed at the ZnO-solution interface by using following equation Eq.4.1, 

𝑔𝑚 =
𝛥𝐼𝑡𝑟𝑎𝑛𝑠𝑣𝑒𝑟𝑠𝑒

∆𝑉𝑜𝑟𝑡ℎ𝑜𝑔𝑜𝑛𝑎𝑙
=

𝑊

𝐿
 𝐶𝑖𝑛µ𝐹𝐸𝑉𝑡𝑟𝑎𝑛𝑠𝑣𝑒𝑟𝑠𝑒 … … … … … … … … … … … … … … … … … … … … … (4. 1) 

 

where, W and L are width and length of the ZnO thin film and μFE is the mobility of ZnO charge 

carriers [4]. The comparison of CEDL and Cin is represented in Fig. 4.5A. These parameters are 

derived for every immunoassay step. It can be seen that CEDL values range between 4.42 μF·cm
−2

 

to 7.6 μF·cm
−2

 for zero dose cortisol concentration to 100 ng/mL concentration whereas the Cin 

quantity varies from 0.97 μF·cm
−2

 to 0.02 μF·cm
−2

. The capacitance extracted for the ZnO-

solution interface captured using DC modulation (Cin) is at least one order lower than 

capacitance obtained from AC modulation (CEDL) for the same concentration of cortisol 

dispensed at the interface implying the CEDL belongs to the imaginary component of the 

impedance. This proves that AC modulation is more sensitive as a transduction mechanism for 
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the charge modulation at the liquid/semiconductor interface than DC modulation. It can be 

concluded that it is more effective to calibrate the instrument using AC measurements. 

 

Figure 4.5. Sensor performance comparison between DC modulation and EIS modulation in 

synthetic sweat. (a) Variation of capacitance due to DC and AC measurement extracted for 

different cortisol concentrations from baseline to 100 ng/mL. (b) Cross-reactivity measurements 

with IL-1β and its comparison with cortisol detection in terms of percentage change using EIS 

modulation. (c) Cross-reactivity measurements with IL-1β and its comparison with cortisol 

detection in terms of percentage change using DC modulation. 

 

The specificity of the sensor is tested by using a non-specific cytokine IL-1β found in sweat. The 

results of percentage change in resistance for AC modulation and percentage change in 

impedance for DC modulation due to interaction of IL-1β molecules with α-cortisol are shown in 

Fig. 4.5B and Fig. 4.5C. These output curves are compared with the corresponding calibration 

carried out using cortisol with α-cortisol. The EIS modulation using cortisol molecule over 

1 pg/mL to 100 ng/mL showed percentage change in impedance from 19.6% to 48.6% whereas 

for IL-1β antigen it was 2.4% to 4.2%. Similarly for DC modulation, percentage change in 

resistance when tested with cortisol was found to be 2.8% to 37.3% with signal threshold at 15% 

whereas for IL-1β it was found to be 0.1% to 6%. This indicates that IL-1β antigen when used 

with α-cortisol and tested with DC and EIS modulation does not display heavy antibody-antigen 

interaction due to signal below noise level. This establishes that the biosensor is being able to 

distinguish between specific vs. non-specific target analytes and that EIS modulation shows a 

http://www.nature.com/articles/srep14586#f5
http://www.nature.com/articles/srep14586#f5
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wider dynamic range in terms of change in impedance as compared to dynamic range seen in DC 

modulation. 

4.5.5 Calibration of sensor using AC modulation in human sweat 

We performed dose calibration experiments using human sweat for cortisol concentration of 

1 ng/mL to 200 ng/mL. Since human sweat is a complex medium, we used higher concentration 

of 500 μg/mL of cortisol antibody (see supplementary of [45]). The results shown in Fig. 4.6 are 

based on the Zimag measurements obtained at 100 Hz frequency for varying cortisol concentration 

in human sweat as we observed the highest SNR (signal-to-noise ratio) at this frequency. It can 

be observed from the inset of Fig. 4.6A that the percent change in impedance over the cortisol 

concentration in human sweat of 1 ng/mL to 200 ng/mL varies from 10% to 42%. The specific 

signal threshold is beyond 1 ng/mL concentration. Thus the limit of detection in human sweat is 

found to be at 1 ng/mL. However, the change in slope between 1 ng/mL to 10 ng/mL is not 

substantial. Thus we achieve LDR from 10 ng/mL to 200 ng/mL. As per the literature, cortisol 

concentration range in human sweat is reported ~8 ng/mL to 140 ng/mL [12]. The fractional 

change in dose Zimag impedance measurements with respect to the baseline Zimag impedance 

measurements for varying cortisol doses in human sweat is shown in Fig. 4.6B. This response 

was fitted using exponential fit and the correlation was found to be 0.9961. Figure 4.6B also 

shows the response for two test samples (human sweat with 50 ng/mL and 150 ng/mL cortisol 

dose concentrations respectively). The table inset in Fig. 4.5B compares the actual 

concentrations of cortisol tested to the measured values of cortisol concentration estimated from 

exponential fit. The measured values of cortisol estimated from the calibration dose response 

varied from the actual value of cortisol by an average of 12.5%, which is within the permissible 

http://www.nature.com/articles/srep14586#f6
http://www.nature.com/articles/srep14586#f6
http://www.nature.com/articles/srep14586#f6
http://www.nature.com/articles/srep14586#f6
http://www.nature.com/articles/srep14586#f5
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limits of clinical standards as published by the Clinical And Laboratory Standards Institute [22]. 

Observed correlation between the measured and expected values of the test samples demonstrate 

analytical precision of the sensor. It can be concluded that the sensor performance is effective in 

clinically relevant range and the flexible sensor has demonstrated the potential for practical 

diagnostic applications. 

 

Figure 4.6. Sensor performance evaluation in human sweat using AC modulation through EIS. 

(a) Variation in imaginary impedance for cortisol concentration variation of 1 ng/mL to 

200 ng/mL in human sweat. Inset shows the percent change in impedance. (b) Calibration dose 

response rationalization over the range of 1 ng/mL to 200 ng/mL. Inset shows test sample 

mapping using exponential fit. 

 

4.6 Discussion 

Wearable diagnostics biosensors need to demonstrate enhanced sensitivity, with detection of the 

target species in clinically relevant target regimes from low sample volumes (<10 μL ranges). 

Additionally, they need to operate at very low bias potential enabling low power operation and 

consumption. In this paper we have presented a flexible three electrode biosensor on nanoporous 

polyamide substrates for detection and quantification of cortisol; a physiological stress marker 

that is expressed in sweat in its clinically relevant regime from 8 ng/mL to the 140 ng/mL [12]. 

http://www.nature.com/articles/srep14586#ref22
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The findings from this research are that in order to achieve sensitivity as well as a linear dynamic 

range within the concentration regime using ultra low volumes (<5 μL; corresponding to ambient 

sweat) and an electrical detection method, AC voltage based measurement of the EDL 

impedance is more suitable than direct current measurement of the interfacial capacitance and 

transconductance characteristics. The results of Figs. 4.2 and 4.3 demonstrate the significance of 

AC-electrochemical impedance spectroscopy (EIS) measurements and its impact on biosensor 

performance in synthetic sweat. The highest percentage change of 48.6% is obtained for the 

highest concentration of cortisol at 100 ng/mL and limit of detection (LOD) of 1 pg/mL is 

achieved in nanoporous substrates. The utility of the nanoporous substrate has been further 

explored with cortisol detection in human sweat. Fig. 4.6 demonstrates the impact of AC-

electrochemical impedance spectroscopy (EIS) measurements on nanoporous substrate biosensor 

performance in human sweat. The nanoporous substrate acts like size exclusion sieve thus 

enabling the targeted binding of biomolecules even at very low concentrations. Therefore, the 

linear dynamic range is still preserved from 10 ng/mL to 200 ng/mL while the limit of detection 

(LOD) was found to be at 1 ng/mL. The higher LOD in human sweat was due to the interferents 

present in the sweat matrix. The confinement of targeted biomolecules in the nanoporous 

substrate causes high charge accumulation in the double layer resulting across a ZnO–solution 

interface. Increased CEDL range will allow us to scan the EDL more distinctly enabling the clear 

discrimination of smallest dynamic changes occurring due to biomolecule binding. Hence, this 

capability is utilized to obtain a stable signal from human sweat. Additionally due to the linear 

dynamic range over the cortisol concentration regime in the ng/mL, it is possible to estimate 

cortisol concentrations at diagnostically relevant values with variances within the acceptable 

http://www.nature.com/articles/srep14586#f2
http://www.nature.com/articles/srep14586#f3
http://www.nature.com/articles/srep14586#f6
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limits of clinical laboratory standards. Higher charge accumulation with increasing concentration 

of targeted biomolecules is very advantageous for operating the sensor at lower voltages due to 

amplified output. This enabled us in achieving high percent change in impedance of 10% at 

1 ng/mL of cortisol and 42% for 200 ng/mL of cortisol, with a LDR of 30% when the sensor was 

tested in a complex medium like human sweat. 

 Dispensing different molecules in liquid near metal oxide surface is equivalent to 

applying different electric potentials, causing electrostatic gating effect which in turn changes the 

carrier density. But resistive changes derived from DC measurements are inadequate to detect 

these variations for smaller cortisol concentrations as concluded from Fig. 4.4. DC 

measurements primarily captured the resistive changes in the ZnO-liquid interfaces primarily due 

to either change in mobility of carriers in ZnO or change in the density of carriers in ZnO [13]. It 

is established from Fig. 4.4A and Fig. 4.4B that the transverse current does not vary substantially 

(~2% change in resistance) with increasing orthogonal voltage. This proves that the cortisol 

binding over a concentration range of 1 pg/mL to100 ng/mL does not cause substantial changes 

in carrier mobility in the semiconducting ZnO. Hence the resistive changes observed with 

different assay steps must be due to changes in charge carrier density at the interface on the ZnO 

semiconductor when it comes in contact with the liquid. Since there is a substantial change in 

charge carrier density at the interface, it is well reflected in the capacitance measured across the 

interface. Hence the sensor performance is lowered when limit of detection is calculated based 

on resistive changes in terms of slope variation and not the capacitive variations as cortisol 

concentration is varied. 

http://www.nature.com/articles/srep14586#f4
http://www.nature.com/articles/srep14586#ref13
http://www.nature.com/articles/srep14586#f5
http://www.nature.com/articles/srep14586#f5
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 Cin interfacial capacitance derived using transconductance of DC characteristics is 

considerably low compared to the CEDL obtained from EIS measurements as shown in Fig. 4.5A. 

As per equation 4.1, the Cin depends on mobility of charge carriers, dimension of the 

biofunctionalized area over ZnO surface, transconductance and the applied transverse bias. As 

discussed above, the mobility of charge carriers is not affected due to dispensing of particular 

cortisol concentration as the transconductance does not change substantially. Thus the Cin can 

only be improved by either decreasing the W/L ratio, i.e., by shrinking the dimensions of the bio-

functionalized semiconductor area in the sensor or by increasing the applied transverse potential. 

Reduction in area has the negative effect in reducing the number of biomolecules available for 

sensing. Increasing potential has the negative effect of higher power consumption for wearable 

device applications. The demonstrated DC measurements were taken at ±1 V varying orthogonal 

voltage and 0.1 V transverse voltage which is two orders higher than the voltage applied for EIS 

which was 10 mV. The transverse DC potential bias applied cannot be increased beyond 1.5 V as 

the higher voltages applied for long duration might damage the biomolecules under test [23,24]. 

C-V measurements under DC potential can only be effective for biosensing devices if equivalent 

or higher ranges of capacitance Cin can be obtained as compared to CEDL at lower applied 

voltages. Thus DC is not amenable for development of ultra-low power and low voltage 

applications, which is one of the major requirements for development of wearable sensors [25]. 

Although DC measurements would be simpler for assembly and integration of sensor device but 

it also comes with limitations such as higher DC voltages cause denaturation of biomolecules or 

capture probes under test. In conclusion, AC based electrochemical impedance spectroscopy 

(EIS) is an effective method for characterizing the biomolecular charge accumulation in the 

http://www.nature.com/articles/srep14586#f5
http://www.nature.com/articles/srep14586#ref23
http://www.nature.com/articles/srep14586#ref24
http://www.nature.com/articles/srep14586#ref25
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electrical double layer formed at the liquid/semiconductor, i.e., ZnO in the current biosensor 

configuration using nanoporous flexible polyamide substrates for ultrasensitive detection of 

cortisol in synthetic and human sweat. This work is significant from the perspective of realizing 

ultra-low power wearable and high performance biosensors. 
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CHAPTER 5 

LANCET-FREE AND LABEL-FREE DIAGNOSTICS OF GLUCOSE IN SWEAT USING 

ZINC OXIDE BASED FLEXIBLE BIOELECTRONICS 

5.1 Prior publication 

Rujuta D. Munje , Dr. Sriram Muthukumar and Dr. Prasad wrote the manuscript. Rujuta D. 

Munje co-designed and performed the experiments, carried out data analysis. Dr. Sriram 

Muthukumar and Dr. Prasad contributed in data interpretation. Published in the Sensors and 

Actuators B journal in July 2016, this article describes the enhancement of a flexible, lancet free 

electrochemical sensor using zinc oxide nanostructures for ultrasensitive detection of the glucose 

in human sweat. The objective of this study is to develop a robust platform for glucose bio-

sensing in order to improve prehospital point-of-care (POC) detection of patients with 

hypoglycemia or hyperglycemia. This work has been reproduced here with permission of the 

Elsevier publishing company and the link to the article is 

http://dx.doi.org/10.1016/j.snb.2016.07.088. 

5.2 Abstract 

We demonstrate a wearable, flexible electrochemical biosensor for the combinatorial label-free 

detection of glucose in human sweat. The novel device comprises of stacked metal/metal-oxide 

(gold/zinc oxide) thin films within porous polyamide substrates for low-volume ultrasensitive 

impedance based detection of glucose and cortisol using non-faradaic electron-ionic charge 

http://dx.doi.org/10.1016/j.snb.2016.07.088
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transfer. In this work, we report the detection of glucose over a concentration range from 0.01–

200 mg/dL spiked in synthetic and human sweat. Monoclonal antibodies specific to glucose 

oxidase were immobilized on thiolated ZnO sensing electrode surfaces resulting in the 

modulation of charge transfer within the electrical double layer (EDL). Non-Faradaic 

electrochemical impedance spectroscopy (EIS) was used to calibrate the sensor response with 

varying dose concentration through measurement of change in impedance. Reliable limit of 

detection (LOD) of 0.1 mg/dL in human sweat was demonstrated. Correlation of the sensor 

response with that of a commercial glucose meter TRUEresult™ Sensor (LOD of 20 mg/dL in 

blood) was found to be 0.9. Combinatorial detection of glucose and cortisol was demonstrated 

through frequency specific EIS measurements. Sensor variability was found to be within 15% of 

individual dynamic range for each molecule. 

5.3 Introduction 

Biosensors for consumer wearable devices is an exciting field as it facilitates multiplexed 

physiological monitoring for quantitative assessment of body functions. Highly functional 

wearable biosensors that can also provide meaningful diagnostics to guide therapeutics would be 

extremely valuable to end-user consumers or health-professionals [1] and [2]. In order to make 

wearable biosensors as successful consumer products it is important to demonstrate enhanced 

multiplexed functionality, reliability, and ease-of-use through non-invasive monitoring of body 

fluids [2]. There has been significant research focus on non-invasive body fluids such as sweat, 

saliva and urine. Sweat is the most widely evaluated body fluid as it contains plethora of medical 

information and is relatively easier to stimulate, gather, and analyze. 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0005
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0010
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0010
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 Glucose and cortisol are two valuable molecules that have physiological 

interconnection[3], [4], [5] and [6]. Management and control of Diabetes Mellitus requires tight 

and frequent monitoring of glucose levels daily. Thus glucose biosensors that primarily employ 

electrochemical-based methods of detection occupy 85% of the commercial handheld biosensors 

market [6]. Glucose is found in the concentration range of 0.1–50 mg/dL in human sweat [7]. 

There is currently good correlation established between blood or human serum and sweat 

glucose levels [8]. Hence, contamination free glucose detection monitored non-invasively from 

sweat can prove extremely beneficial to assess blood glucose levels. Cortisol is a glucocorticoid 

hormone that plays an important role in regulation of glucose metabolism. It enhances the 

expression of enzymes involved in glucogenesis, to maintain the glucose levels in plasma. More 

importantly, the direct correlation between glucose and cortisol levels in case of Type 2 diabetes 

patients has been well established [9]. Recent studies have shown that the disturbance in 

circadian rhythm (influenced by cortisol) may increase both fasting and postprandial plasma 

glucose concentrations through inadequate pancreatic insulin secretion [9]. Therefore, 

simultaneous monitoring of these molecules in combinatorial manner can be used to better 

predict the onset of diabetes and/or stress related symptoms as well as monitoring the diabetic 

conditions. 

 Current studies have shown simultaneous detection of multiple electrolytic ions such as 

Na, K, Cl and metabolites such as glucose and lactate [1], [10] and [11]. Also, most of the 

techniques that display simultaneous detection are label-based. However, wearable non-invasive 

biosensors both in the commercial and research domain can primarily detect one protein, enzyme 

or metabolite biomolecule at a time and multiplexing is still one of the challenges in 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0015
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0020
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0025
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0030
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0030
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0035
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0040
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0045
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0045
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0005
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0050
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0055
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development of sweat based sensors [1], [12], [13], [14] and [15]. Some examples include the 

tattoo-based biosensors for detecting lactate from sweat using voltammetric or amperometric 

techniques that require labeling with redox probes [14]; the GlucoWatch for detecting glucose 

levels using iontophoresis of transdermal interstitial fluid [16], which has been withdrawn from 

the market due to induced skin irritation problems in patients [17]; the electronic nose or odor 

system to detect glucose levels in synthetic sweat was formulated using 32 metal oxide 

semiconductors (MOS) sensors however with a low precision of 66% in the concentration range 

of 10–15 mg/dL and 40–70 mg/dL in different compositions of synthetic sweat [7]. Hence, the 

development of wearable non-invasive diagnostics tools, which are capable of quantifying more 

than one molecule with high precision in a multiplexed manner would be extremely beneficial 

for managing diseases, provide customized therapies, and reduce the total cost burden on the 

consumer [1]. 

 The strategy that we have adopted to address these challenges is leveraging the direct 

charge-electron transfer route between the glucose molecule and the enzyme immobilized on the 

sensing electrode surface [18]. In this work, we have designed and fabricated 3-D nanostructured 

semiconducting ZnO sensing elements to establish optimal electron transfer efficacy between 

immobilized glucose and cortisol molecules and the electrode surfaces. ZnO has been 

successfully used as electrode material for enzyme immobilization [19] and glucose detection 

using primarily amperometric based sensing techniques. Study by Wang et al. [20] reported the 

use of ZnO nanocombs on gold electrodes functionalized using Nafion. The sensor demonstrated 

detection limit of 0.36 mg/dL glucose in phosphate buffer saline (PBS) buffer solution. Another 

study by Kong et al. [21] reported the amperometric enzymatic detection of glucose with the 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0005
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0060
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0065
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0070
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0075
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0070
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0080
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0085
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0035
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0005
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0090
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0095
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0100
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0105
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detection limit of 0.02 mg/dL in PBS using ZnO nanotubes immobilized with glucose oxidase 

(GOx). Pradhan et al. [22] demonstrated the growth of ZnO nanowires on gold plated polyster 

flexible substrate and enzymatic glucose detection with a sensitivity of 19.5 μA/mmol cm
2
 and 

detection limit of 0.9 mg/dL. However, all these studies focus on single glucose molecule 

detection and none of these studies has reported performance in human sweat that has 

interferents affecting the precision and stability of the sensor. 

 In our study, we leverage the findings of these researches to focus our efforts in 

addressing the key challenge in wearable sweat based glucose biosensing, i.e., the ZnO based 

electrochemical sensor performance in ultralow volumes of synthetic and human sweat. EIS was 

used to measure the sensor response to the variations in glucose concentrations spiked in 

synthetic sweat and in human sweat. Additionally, we demonstrate the combinatorial detection of 

glucose and cortisol in synthetic sweat with EIS by identifying specific frequencies associated 

with glucose and cortisol biosensing. The sensor performance in human sweat was compared to 

that with commercial glucose analyzer TRUEresult™ meter [23]. 

5.4 Materials and methods 

5.4.1 Sensor fabrication 

Fig. 5.1A shows the sensor fabricated on a flexible nanoporous polyamide substrate with the 

electrodes and active region of ZnO. Gold measurement electrodes were deposited using shadow 

mask in e-beam cryo-evaporator. ZnO thin films were sputtered onto patterned in the area 

between the two gold electrodes to get maximum overlap using an AJA Orion RF magnetron 

with a 99.999% ZnO target (Kurt J. Lesker) at room temperature. The thickness of the film 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0110
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0115
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0005
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deposited was measured with Veeco Dektak 8 profilometer. Hall measurements were performed 

on ZnO deposited glass substrates using 8400 series HMS (Lake Shore Cryotronics, Inc. Carson, 

CA, USA). Hall measurements performed using glass substrates demonstrate the resistivity of 

the deposited ZnO film to be 0.02 Ω.cm. 

 

Figure 5.1. Schematic of sensor setup and immunoassay A) Image of a sensor array deposited on 

polyamide substrate B) Flexible sensor and size comparison with a cent C) Schematic of 

immunoassay for glucose and cortisol detection D) Protocol used for glucose and cortisol 

detection. 

 

5.4.2 Materials 

Polyamide substrates with 0.2 μm pore size were obtained from GE Healthcare Life Sciences 

(Piscataway, NJ, USA). The linker molecule dithiobis (succinimidyl propionate) (DSP) and its 
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solvent dimethyl sulfoxide (DMSO) were ordered from Thermo Fisher Scientific Inc. (Waltham, 

MA, USA). The monoclonal glucose oxidase antibody was obtained from Thermo Fisher 

Scientific Inc. (Waltham, MA, USA). Glucose oxidase from Aspergillus niger and D-(+)-glucose 

was obtained from Sigma-Aldrich (St. Louis, MO, USA). The monoclonal α-cortisol antibody 

and cortisol hormone (Hydrocortisone) was ordered from Abcam (Cambridge, MA, USA). The 

antibody of both cortisol and glucose were diluted in 1X phosphate buffered saline (PBS, 

Thermo Fisher Scientific Inc., Waltham, MA, USA). Synthetic sweat was prepared as per the 

recipe stated in M.T. Mathew et al. [24]. The pH range is varied by varying the concentration of 

the components. Human sweat was purchased from Lee Biosolutions Inc. (St. Louis, MO, USA), 

where it was collected from single human donor with pH ∼ 4–5. No preservatives have been 

added to this product and it was stored unfiltered at below −20 °C. All the glucose and cortisol 

dilutions are made in synthetic sweat and human sweat. TRUEresult™ glucometer was 

purchased from Amazon.com, Inc. (Seattle, WA, USA). 

5.4.3 Sensor calibration for glucose detection in synthetic sweat and human sweat 

Fig. 5.1C and Fig. 5.1D shows the immunoassay protocol. The capture probe is an IgG 

monoclonal glucose oxidase and cortisol antibody binding to glucose oxidase enzyme molecule 

and cortisol antigen molecule respectively. As displayed in Fig. 5.1C and Fig. 5.1D, 10 mmol 

DSP was diluted in dimethylsulfoxide (DMSO) and functionalized on ZnO surface after 

dispensing 3–5 μL volume and incubation of 2 h. The PBS wash was carried out followed by 

15 min incubation of 3–5 μL of 10 μg/mL α −glucose oxidase antibody. This was followed by 

glucose oxidase immobilization on α −glucose oxidase antibody. After successful 

functionalization of glucose oxidase, synthetic sweat solution was dispensed in 3–5 μL volume. 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0120
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0005
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0005
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0005
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0005
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This step was considered as zero dose or baseline measurement stage. Various dilutions of 

glucose in synthetic sweat were dispensed in a sequence where the glucose concentration was 

increased from 0.01 to 200 mg/dL. Each glucose concentration was incubated for 15 min on the 

sensor surface prior to EIS measurement. EIS measurements were taken by recording current 

flow using a potentiostat (Gamry Instruments, Warminster, PA, USA) after applying 10 mV AC 

voltage with a frequency sweep of 1 Hz to 1 kHz. All the measurements were carried out in dark 

and under ambient temperature conditions. Similar protocols were followed for the detection of 

glucose in human sweat. In this case, the baseline measurements and dilutions were done using 

human sweat. For experiments monitoring pH variation on glucose detection, the solution for 

baseline measurement and dilutions was replaced by synthetic sweat of desired pH. DC voltage 

based cyclic voltammetry (CV) and chronoamperometry measurements were performed using 

the same potentiostat. Cyclic voltammetry scan was performed between −1.0 V and +1.0 V at a 

scan rate of 0.1 V/s. A constant step voltage of 0.5 V was applied for 45 s for 

chronoamperometry measurements. Both these measurements were performed for zero baseline 

and with increasing doses of glucose concentrations from 0.01 to 100 mg/dL for the same 

immunoassay samples that were used for EIS measurements. 

 Sensor calibration response was calculated using n = 4 samples. The response to the 

varying glucose concentration was captured in terms of percentage change in total impedance 

(Zmod) between the baseline step impedance and impedance obtained for that particular 

concentration. The Zmod was captured at 100 Hz, the highest signal over noise ratio. Specific 

Signal Threshold (SST) was estimated by measuring replicates of a blank buffer sample and 

calculating the mean result and standard deviation [25]. The noise level was defined as the 3 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0125
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times of standard deviation in baseline (zero dose) measurement [26], [27] and [28]. Limit of 

detection (LOD) was identified as the lowest glucose concentration likely to be reliably 

distinguished from the SST and at which detection is feasible [25]. Following equation Eq.5.1 

was used for calculation of SST impedance. 

SST = meanblank − 3(SDblank) … … … … … … … … … … … … … … … … … … … … … … … 5. 1 
 

 The sensor calibration response for spiked glucose concentration in synthetic sweat and 

in human sweat was fitted using polynomial curve fit and the regression analysis coefficient (R
2
) 

was obtained. 

5.4.4 Combinatorial detection of glucose and cortisol in synthetic sweat 

For the purpose of combinatorial detection of glucose and cortisol, cocktail solutions were 

prepared by spiking the concentrations for glucose and cortisol in synthetic sweat simultaneously 

in three logarithmic steps. Glucose was spiked for the concentration of 1 mg/dL, 10 mg/dL, and 

100 mg/dL in synthetic sweat of pH 8. Cortisol was spiked for the concentration of 10
−4

 mg/dL, 

10
−3

 mg/dL, and 10
−2

 mg/dL in synthetic sweat of pH 8. The α-cortisol and glucose oxidase 

antibodies were used on two different sensors deposited on same substrate to setup the biosensor 

immunoassay. Combined concentrations of glucose and cortisol in a combination of increasing 

order were then tested on both cortisol antibody and glucose oxidase antibody functionalized 

regions of two sensors. 

 Individual calibration response of independent detection of glucose and cortisol were first 

identified in synthetic sweat. Calibration response of glucose was obtained at 100 Hz as 

mentioned previously. Calibration response of cortisol in synthetic sweat was obtained from our 

previous study [29] at 1 Hz. Calibration of combinatorial sensing of glucose and cortisol was 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0130
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0135
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0140
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0125
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0145
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achieved by comparing the combinatorial impedance changes to the individual reference 

calibration ranges for corresponding molecule concentrations. 

5.4.5 Test samples in human sweat for comparison with TRUEresult
TM

 meter 

Test samples (n = 10) were prepared by spiking glucose concentrations in human sweat. These 

concentrations were in the range of 5 mg/dL, 50 mg/dL, and 100 mg/dL. The test samples were 

dispensed in 3–5 μL volume on the sensors with the functionalized immunoassay and measured 

using EIS as described in the above sections. The obtained percent change in impedance was 

then mapped to the polynomial calibration fit to derive the concentration of sample tested. 

TRUEresult™ meter is available commercially for testing glucose levels in human blood. Test 

samples from the same batch of spiked concentrations were dispensed on TRUEresult™ test 

strips. The concentrations of glucose obtained from TRUEresult™ meter was then plotted with 

the concentrations of glucose derived from sensor calibration in human sweat. Regression 

analysis and Bland-Altman analysis was carried out to compare the performance of the sensor to 

that of the TRUEresult™ meter. 

5.5 Results and discussion 

5.5.1 Sensor calibration and performance in synthetic sweat 

The results of the EIS measurements in the form of Nyquist and Bode plots of spiked glucose 

concentrations from 0.01 to 200 mg/dL in synthetic sweat of pH 8 and zero dose (baseline) are 

shown in Fig. 5.2A and Fig. 5.2B respectively for n = 4 sensors. Each of the Nyquist plots for 

baseline to 200 mg/dL glucose concentrations can be divided into three distinguishable regions. 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0010
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0010
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The first region shown in the inset in Fig. 5.2A, occurs at very high frequencies from 0.1 MHz to 

1 MHz and is a straight line relatively parallel to Zimag axis. This corresponds to the diffusion of 

bulk solution and can be represented as Warburg impedance where the imaginary impedance is 

tending to zero, resulting in a significantly resistive system as shown in Fig. 5.2C. The 

Zimag impedance in this region varies from 0.2 kΩ to 2 kΩ. In the Bode magnitude and phase 

plots this first region is identified where Zmod plot starts to asymptotically reach a minimum and 

this occurs between 12 kΩ–6 kΩ observed in the frequencies between 0.1 MHz–1 MHz. The 

phase angle in this region is of 0° to −10°. 

 The second region of the Nyquist plots is where the Zimag varies from 2 kΩ to 5 kΩ. An 

increase in Zreal resistance from 7 kΩ to 12 kΩ and shifting of Nyquist spectra towards right on 

x-axis is observed with decreasing glucose concentration. It indicates decreased solution 

resistance due to increasing amount of glucose binding to the sensor. The Nyquist spectra also 

demonstrates a decreased radius of curvature of the incomplete small semicircle corresponding to 

a decreased charge transfer resistance due to the catalytic interaction of glucose with glucose 

oxidase on the ZnO sensor surface resulting in higher sensitivity. In Bode magnitude and phase 

plots, this region corresponds to the frequency range of 0.1 MHz–100 Hz. A slight positive slope 

in Zmod is observed from 12 kΩ to 20 kΩ with decreasing frequency of 0.1 MHz–100 Hz and 

slight negative slope in phase angle is observed from ∼−10° to ∼−30°. This indicates an 

increased contribution of capacitive behavior in overall Zmod. 

 The third region in the Nyquist plots corresponds to a region where Zimag changes from 

5 kΩ to 0.15 MΩ. This represents a typical non-Faradaic system behavior of semiconductor thin 

films on porous surfaces, where the low frequency intercept of the curve becomes infinite in 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0010
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0010
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Figure 5.2. EIS measurements of spiked glucose concentrations of 0.01 mg/dL to 200 mg/dL in 

synthetic sweat of pH 8 A) Nyquist plot representing measurement at each concentration B) 

Bode magnitude and phase plot representing measurement at each concentration C) Equivalent 

circuit model representation of sensor system D) Calibration dose response of glucose in 

synthetic sweat displayed in terms of percentage change in Zmod. 

 

Nyquist plots. In the Bode magnitude and phase plots, this region corresponds to a steep positive 

slope in Zmod from 20 kΩ to 0.15 MΩ with decreasing frequency of 100 Hz to 1 Hz and 

increasing phase angle from −30° to −60°. The highest negative phase angle of −65° is 

demonstrated at 1.5 Hz due to dominant capacitive behavior of the electrical double layer at 

lower frequencies due to the binding of glucose oxidase enzyme-antibody to the DSP linker on 

ZnO surface. The equivalent circuit diagram for the sensor is shown in Fig. 5.2C. 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0010
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 The substrate used for sensor is nanoporous polyamide membrane that allows for 

nanoconfinement of biomolecules that affects electron transfer kinetics inside the nanopore. The 

mass transport within the nanopores is impacted thus reducing diffusion time and provides high 

surface to volume ratio thus enhancing detection capability of the flexible biosensor (see 

supplementary of [71]). Nanoporous surfaces also increases selectivity by providing size based 

exclusion that reduces the noise of complex environment as in the case of human sweat, which 

comprises of a number of interfering ions and lipids. Nanoporous surface environments also 

cause a biophysical phenomenon known as ‘macromolecular crowding’ which simulates 

excluded volume effect and increase stability of biomolecules and biomolecule complexes 

captured inside a nanopore. The interference and selectivity study was carried out using lactic 

acid (see supplementary of [71]). The enhanced sensor performance of these nanoporous 

substrates based sensors as compared to planar substrates has been demonstrated on multiple 

types of biomolecules as demonstrated in our previous studies [29], [30],[31] and [32]. EIS 

provides important information about the intermolecular and biomolecule-solvent interactions 

through change in permittivity and conductivity. The electron charge transfer between glucose 

and glucose oxidase causes changes in conductivity and relative permittivity of the EDL which 

are proportional to the glucose concentration in solvent. These changes are measured in terms of 

impedance using EIS, enabling to perform calibration of glucose detection. In this work, the 

biomolecule complex comprising glucose–GOx enzyme, GOx enzyme–antibody immobilized on 

the ZnO sensor surface in confined within the nanopores. Thus the efficacy of electron-charge 

transfer resulting from the oxidation of glucose by GOx catalysis and the generation of H2O2 at 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0145
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0150
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0155
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0160
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the sensing electrode surface resulting in the high sensitivity, i.e., lower LOD and wide dynamic 

range of 0.01–200 mg/dL recorded for the glucose detection in sweat. 

5.5.2 Identification of optimal frequency for sensor operation 

The total impedance (Zmod) variations were analyzed over frequencies from 1 Hz to 1 MHz. The 

highest signal-over-noise ratio (SNR) was obtained between 50 and 100 Hz frequency range 

where the resistive behavior was dominant. This indicates the sensor system is most sensitive to 

the electrochemical process involving glucose oxidase through a charge transfer mechanism in 

this frequency range. Therefore 100 Hz frequency was used for the sensor calibration in 

synthetic sweat as shown in Fig. 5.2D. The percentage change in Zmod at 100 Hz with respect to 

the baseline Zmod was used to calibrate the sensor across spiked glucose dose concentrations. The 

percentage increased from 17 to 46% as the glucose dose concentration was increased from 

0.01–200 mg/dL that includes the clinically relevant range of glucose levels found in human 

sweat [7]. A polynomial fit of the data showed a correlation coefficient of R
2
 = 0.9891. The LOD 

was calculated to be at 0.01 mg/dL. This calibration establishes the dynamic range for the 

interpretation of glucose dose concentrations in sweat and demonstrates the high sensitivity of 

the sensor. 

 Cyclic voltammetry (CV) and chronoamerometry was performed for additional validation 

of the stability and sensitivity of the sensor for the glucose dose concentrations from 0.01–

100 mg/dL in synthetic sweat of pH 8. The results are shown in Fig. 5.3A and Fig. 5.3B. Cyclic 

voltammogram indicate a significant enhancement of the oxidation current for a 0.01 mg/dL 

glucose concentration increase over baseline in synthetic sweat and a suppression of the 

reduction current with increasing glucose dose concentrations. The oxidation current peak occurs 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0010
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0035
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0015
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0015
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Figure 5.3. Electrochemical testing of glucose immunoassay and effect of pH A) Cyclic 

voltammetry measurements for baseline and glucose concentrations of 0.01 mg/dL to 100 mg/dL 

in synthetic sweat of pH 8 B) Chronoamperometry curves for glucose concentrations of 0.01 

mg/dL–100 mg/dL in synthetic sweat of pH 8. Inset shows calibration curve in terms of average 

current C) Graph representing variation in dynamic range of sensor as glucose concentrations 

0.01 mg/dL and 100 mg/dL spiked in synthetic sweat of pH 2, 4, 6, 8 as well as PBS D) Single 

frequency measurement curve at 100 Hz for human sweat dispensed on ZnO sensing region and 

only gold electrodes without ZnO. 

 

at ∼0.7 V, which relates to the oxidation of glucose by GOx catalysis and the generation of 

H2O2 as has been previously reported10. The chronoamperometric measurement reflects the 

direct electron-charge transfer between the biomolecule complex comprising glucose–GOx 

enzyme, GOx enzyme–antibody immobilized on the ZnO sensor surface and measured in terms 

of current over time at constant applied voltage. The initial large spike in current seen in Fig. 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0015
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5.3B is due to non-faradaic capacitive double layer that decays within ∼1 s followed by a steady-

state current in the range of 2–8 μA that is proportional to concentration of glucose. The 

calibration curve of this steady-state current with glucose dose concentrations is plotted in an 

inset of Fig. 5.3B. This steady-state current reflects the absence of redox molecules for 

amplification that mediates charge transfer between the sensing electrode and the molecule under 

test [33]. The sensitivity was calculated to be 14.5 μA/mM cm
2
, which is comparable to that 

reported by Pradhan et al. [22] using GOx in PBS mixed with Nafion immobilized ZnO NWs 

deposited on Au-coated PET substrate. 

5.5.3 Stability with pH of ZnO sensor electrode 

Since the pH of human sweat varies from pH 4.5 to pH 7.0 [34] and [35], we formulated 

synthetic sweat (SS) with different pH. Glucose concentrations of 0.01 mg/dL and 100 mg/dL 

were spiked in synthetic sweat solution of pH 2, 4, 6 and 8. Fig. 5.3C shows the variations in 

percentage change in Zmod with respect to the baseline Zmod of each pH solution. The percentage 

change in Zmod for 0.01 mg/dL glucose concentration in pH 8 solutions of PBS and SS was ∼9%, 

whereas in pH 2, pH 4 and pH 6 solutions was 2.3%, 17.7% and 13.4% respectively. At 

100 mg/dL glucose concentration, the percentage change in Zmod did not vary significantly at 

∼22–28% for pH 4 pH 6 and pH 8 solutions of SS, and pH 8 solution of PBS. Whereas the 

percentage changes in Zmod for 100 mg/dL glucose concentration in pH 2 was much lower at 

7.8%. The very low percentage changes in Zmod at low pH solutions can be attributed to 

sensitivity of ZnO sensor electrode material affected by the H
+
 species in the solution interfering 

with the electron-charge transfer related to the biomolecule complex. Fig. 5.3D is the single 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0015
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0015
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0165
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0110
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0170
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0175
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0015
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0015
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frequency Zmod measurement at 100 Hz over 300 sec on ZnO sensor electrode surface for human 

sweat (pH ∼4.5) solution with zero glucose concentration. The ZnO sensor electrode was stable 

at ∼20 kΩ as compared to that of gold electrodes without ZnO, which varied from 5 kΩ to 

10 kΩ. Therefore, the ZnO sensor electrode exhibits good stability in the pH range of 4.0–8.0. 

 ZnO semiconductor material was used as an active sensing element in this study as it 

provided improved sensitivity of glucose detection due to enhanced electron-charge transfer. 

However, as described above a drift in the percentage change in Zmod is observed at lower pH 

values of the solution. During the electrochemical process, the GOx enzyme immobilized on the 

ZnO surface catalyses the oxidation reaction of glucose generate H2O2. Subsequently, the 

H2O2 is oxidized causing an increase in current via the reaction H2O2 → 2H
+
 + O2 + 2e

−
. This 

reaction causes an increase in H
+
 species at lower pH values interfering with the electron-charge 

transfer related to the biomolecule complex. Several studies have established the changes to the 

ZnO thin films when exposed to low pH solutions over time [36] and [37]. While the ZnO 

sensors in this work were exposed to 1–2 h in various buffer solutions for the data collections, 

our studies of DSP treated, ZnO surfaces exposed to sweat matrix (pH ≈ 4.5–5.0) indicate a 

stability in impedance response for up to 4 h of continuous sensor operation [36] and correlates 

with other published work [36]. 

5.5.4 Combined detection of glucose and cortisol in synthetic sweat 

The results of combined detection of cortisol and glucose in synthetic sweat are demonstrated 

in Fig. 5.4A and B for n = 4 samples. The variations in impedance with concentration for cortisol 

and glucose respectively are calculated as per the formula mentioned in equation Eq.5.2, 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0180
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0185
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0180
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0180
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0020
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𝑖𝑚𝑝𝑒𝑑𝑎𝑛𝑐𝑒 𝑟𝑎𝑡𝑖𝑜 =  
𝐵𝑎𝑠𝑒𝑙𝑖𝑛𝑒 𝑍𝑚𝑜𝑑−𝑠𝑝𝑖𝑘𝑒𝑑 𝑐𝑜𝑛𝑐𝑒𝑛𝑡𝑟𝑎𝑡𝑖𝑜𝑛 𝑍𝑚𝑜𝑑  

𝐵𝑎𝑠𝑒𝑙𝑖𝑛𝑒 𝑍𝑚𝑜𝑑
………………………………(5.2) 

 

 

Figure 5.4. Box plots for combined detection of glucose and cortisol molecule. A) Impedance 

ratio calculated using impedance measurements at 1 Hz frequency for collectively spiked glucose 

and cortisol concentrations as displayed on x-axis B) Impedance ratio calculated using 

impedance measurements at 100 Hz frequency for collectively spiked glucose and cortisol 

concentrations as displayed on x-axis. 

 

 From our previous work [29], the specific frequency based on maximum SNR for cortisol 

molecule on the same sensor platform was found to be at 1 Hz. The calibration of cortisol was 

also performed using the percent change in impedance where the LOD in synthetic sweat was 

found to be at 1 pg/mL. In this case, the change in impedance due to varying cortisol 

concentrations can be attributed to the change in capacitance of the EDL. The electrically 

charged cortisol molecules alter the dielectric permittivity of EDL thereby affecting capacitance. 

EIS captured these changes through measurement of imaginary and real impedance of the sensor. 

In this work, 100 Hz frequency was established as the specific frequency based on maximum 

SNR for glucose molecule. The impedance ratio varies from 0.4 to 0.55 at 1 Hz for cortisol 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0145
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concentration varying from 10−4 mg/dL to 10−2 mg/dL respectively. The impedance ratio for 

glucose concentration varies from 0.09 to 0.21 at 1 Hz for glucose concentration varying from 

0.01 mg/dL to 100 mg/dL respectively. However, at 100 Hz the impedance ratio for cortisol 

concentration from 10
−4

 mg/dL to 10
−2

 mg/dL varies from 0.17 to 0.29 respectively and that for 

glucose concentration varying from 0.01 mg/dL to 100 mg/dL varies from 0.24 to 0.44 

respectively. Thus, specific frequency signatures for cortisol dilutions and glucose dilutions, at 

which the dynamic range of impedance response is higher were observed. Even when the two 

molecules were combined in the synthetic sweat to make a cocktail, the associated impedance 

changes based on EIS measurements were sufficiently different to detect them based on 

frequency response. As demonstrated in Fig. 5.4B the values of impedance ratio for cortisol and 

glucose are overlapping in some cases. However, in case of glucose, the mean impedance ratio 

has sufficiently increasing trend over increasing glucose dilutions and for the cortisol molecule, 

the mean values are almost similar (∼0.19). Thus, the dilutions of cortisol are indistinguishable 

at 100 Hz. 

 Although specific capture probes in the form of antibody were utilized for cortisol and 

glucose oxidase, they can still introduce some background noise due to crosstalk and 

overestimation of target concentrations. In this scenario, innovative technique is highly desirable 

to reduce the uncertainty due to non-specific binding. Therefore, we explored frequency 

signature based approach, where the signature frequency is identified based on high SNR and 

higher values and range of ratio across dilutions. Collectively these results demonstrate that the 

sensor technique has the potential to detect two molecules based on frequency signatures from a 

cocktail buffer dilution of synthetic sweat. 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0020


 

88 

5.5.5 Glucose detection in human sweat solutions 

The calibration data of sensor performance in human sweat spiked with glucose dose 

concentration are shown in Fig. 5.5A for n = 4 sensors. The percent change in impedance varies 

from 13 % to 40% for logarithmic dilutions of glucose doses ranging from 0.01–200 mg/dL. A 

polynomial fit of the data showed a correlation coefficient of R
2
 = 0.9899. The LOD was found 

to be 0.1 mg/dL, which matches with the lower limit of the clinically relevant range of glucose 

levels found in human sweat [7]. In comparison to the calibration data obtained for synthetic 

sweat solutions (Fig. 5.2D) the noise threshold is higher at glucose dose levels below 0.1 mg/dL 

due to the presence of interferents present in human sweat. The deviation is slightly higher 

(CV = 9%) at glucose dose levels above 100 mg/dL due to the background noise from the 

concentration of antibody used. For further validation of the calibration plot, random samples of 

human sweat with spiked glucose concentrations of 5 mg/dL, 50 mg/dL, and 100 mg/dL was 

tested on different sensors as shown in Fig. 5.5A (blue markers). The values of these test samples 

and that obtained through fit are within 15% deviation of the glucose dilutions and meet the 

requirements of the Clinical and Laboratory Standards Institute (CLSI) standard [38]. 

5.5.6 Comparison of sensor performance in human sweat with TRUEresult
TM

 

Currently, there is no commercially available diagnostic tool for measuring glucose levels in 

sweat. Therefore, in order to compare and benchmark the performance of our sensor, we used 

TRUEresult™ glucose measurement meter and strips from Nipro Diagnostics [23], a 

commercially available diagnostic tool for measuring glucose in peripheral blood. This analysis 

was done for limited number of samples (n = 10). To quantify the correlation between two 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0025
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0035
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0010
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0025
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0190
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0115


 

89 

 

Figure 5.5. Sensor performance of glucose detection in human sweat A) Calibration dose 

response of spiked glucose concentration from 0.01 mg/dL to 200 mg/dL in human sweat in 

terms of percent change in Zmod. The graph also shows polynomial fit and test samples alignment 

on the calibration curve B) Comparison of TRUEresult™ meter and developed sensor using 

regression analysis for test samples C) Comparison of TRUEresult™ meter and developed 

sensor using Bland-Altman plot for test samples. 

 

methods of measurements, two types of analysis were used: (i) R
2
-value of regression analysis 

for the correlation between the response of the sensor under development and the response from 

the TRUEresult™ (ii) Bland-Altman analysis for the response of the sensor under development 

and the response from the TRUEresult™.Fig. 5.5B is the correlation plot representation of the 

measurements from sensor and from TRUEresult™ for test samples with spiked glucose 

concentrations in human sweat. The sensor showed an R
2
-value of 0.9541 with TRUEresult™ 

results. These results indicate significant linearity in the results obtained from two types of 

measurement methods. 

 Bland-Altman analysis was performed to analyze the agreement between the responses 

obtained from two types of measurements. Bland-Altman analysis for the values obtained from 

sensor and TRUEresult™ from spiked glucose levels in human sweat is displayed in Fig. 5.5C 

where the bias is 3.15 mg/dL and SD of bias is 11.1 mg/dL. The difference between the 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0025
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0025
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measurements by sensor and by TRUEresult™ is spread on both side of mean bias as observed 

in Fig. 5.5C. This will lead to the average of differences (mean bias) to be negligible. The value 

of bias is 3.15 mg/dL (closer to zero) indicating systematically similar results produced by two 

tests. All the measurements were within 95% SD. The limits of agreement are narrow (±1.96 SD) 

indicating similarity in the results of two measurements. Overall, the analysis indicates the 

discrepancy in the sensor and TRUEresult™ values are within the clinically relevant ranges in 

spite of the limited number of samples tested. 

5.6 Conclusion 

Glucose monitoring has tremendous importance in the field of diabetes management. Multiple 

studies have been published to address the major challenges in monitoring glucose levels. 

However, glucose monitoring and diabetes management represent perfect example of absolute 

need of customized patient monitoring due to the variations in glucose levels in human body 

fluids and response to insulin therapy. Glucose detection using electrochemical impedance 

spectroscopy is affected by change in dielectric strength, pH and conductivity of body fluids as 

well as body temperature [1] and [39]. Change in glucose levels affects the sodium, potassium 

levels and pH of body fluids thereby increasing the challenge of measurement of glucose 

concentrations reliably from the body fluids. The non-invasive detection techniques based on 

body fluids such as human sweat are pain free, comfortable and offer patient adaptability. 

However, sweat glucose concentrations have a time lag and concentration range varies with 

respect to blood glucose concentrations due to the diffusion barriers in human physiology [39]. 

Thus, standard techniques of sensor performance evaluation for glucose detection from human 

blood or plasma such as Clarke-error grid analysis are also needed for glucose detection from 

http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#fig0025
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0005
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0195
http://www.sciencedirect.com.libproxy.utdallas.edu/science/article/pii/S0925400516311236#bib0195
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human sweat. This study analyzed the sensor performance using Bland-Altman analysis and 

regression analysis to evaluate the efficacy of sensor calibration and accuracy of detection of 

glucose in human sweat. Overall, we observed limited drift and variability in glucose detection 

from human sweat as per CLSI standards using flexible platform sensors employing ZnO as 

active sensing material. This sensor prototype is a step forward in the direction of lancet-free and 

label-free detection of glucose. Further work is needed to enhance the sensor performance to be 

able to operate continuously for 12–24 h and address some of the above-mentioned challenges 

for becoming a viable diagnostic platform for clinical use. We expect this work will stimulate 

research and development in this area. 
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CHAPTER 6 

EVALUATING ROOM TEMPERATURE IONIC LIQUIDS FOR ENHANCING THE 

STABILITY OF ZNO FUNCTIONALIZED IMMUNOASSAY FOR SWEAT BASED 

WEARABLE BIOSENSING 

6.1 Abstract 

Biosensors as consumer wearable devices will facilitate physiological monitoring for quantitative 

assessment of body functions. However, in order to enhance the usability of these sensors, it is 

essential to improve the long term stability of functional materials of sensors. In order to address 

the challenges related to stability, we studied the interactions of Room Temperature Ionic Liquid 

(RTIL) with bio-immunoassay functionalized on zinc oxide (ZnO) thin film and its effective 

utilization for sweat based detection. In this work, we report the detection of inflammatory 

cytokine interleukin-6 (IL-6) over a concentration range from 0.2 pg/mL –200 pg/mL spiked in 

human sweat. Monoclonal antibodies specific to IL-6 diluted in RTIL were immobilized on 

thiolated ZnO sensing electrode surfaces resulting in the modulation of charge transfer within the 

electrical double layer (EDL). Electrochemical impedance spectroscopy (EIS) was used to 

calibrate the sensor response with varying dose concentration through measurement of change in 

impedance. A time based study of sensors was carried out to evaluate the consistency in their 

detection of IL-6 from human sweat. Reliable limit of detection (LOD) of 2 pg/mL in human 

sweat was demonstrated on the same day of immunoassay formulation, which was sustained 

until 96 hours. 
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6.2 Introduction 

Increasing interest in the field of wearable biosensors is due to their variety of possible 

applications such as monitoring health, fitness, surrounding environment and vital chemical 

biomarkers for chronic diseases. Wearable biosensors for diabetes, high blood pressure, stress 

and inflammation using non-invasive monitoring of body fluids are particularly attractive as they 

would provide information about user’s health in hassle-free manner. Non-faradaic 

electrochemical sensors enable label-free and non-invasive detection of chemical biomarkers. 

However, in order to advance wearable non-faradaic biosensors towards a user-friendly 

marketable product, it is essential to overcome the challenges of stability and reversibility of 

functional materials incorporated in the sensors. The non-faradaic biosensors translate the 

bioreceptor - biomarker interactions enhanced through functional materials into a readable 

electrical signal. The commonly used bioreceptors are antibody, enzymes, nucleic acid and 

aptamers. Thus enhancing the stability of bioreceptor molecule is critical in order to improve the 

prolonged performance of wearable sensor [72] [73]. The chemical conformation of these 

bioreceptors needs to be maintained in order to achieve reliable and stable interaction with 

biomarkers. In order to retain the conformation of proteins several strategies such as 

immobilization, modifications in genetic assembly and chemical treatments have been adopted 

[74] [75]. Certain excipients such as sugar, salt and amino acids have been added to proteins to 

avoid denaturation and aggregation. However, these strategies do not offer a complete solution to 

this issue. 

 Room temperature ionic liquids (RTILs) have been widely investigated for protein 

extraction, purification, stability and many other applications related to enzymes, amino acids 
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and peptides [76-86]. RTILs are basically molten salts, which consist of a bulky organic cation 

and an organic/inorganic anion moiety. RTILs are being studied widely due to their desirable 

properties such as low volatility, wide electrochemical window and high thermal and chemical 

stability over the conventional solvents [87]. They are in liquid state at room temperature and 

have very high boiling points (>250 °C)[88, 89]. The stability and solubility of proteins in RTILs 

depend on polarity, hydrophobicity and hydrogen-bond capacity of RTILs. These properties of 

RTILs can be controlled by correct choice of cationic and anionic moiety, suitable for proteins 

[89]. Several studies in this area have suggested use of low kosmotropic cation and high 

kosmotropic anion to achieve higher protein stability. Kosmotropicity dictates the interactions of 

moieties with water. Kosmotropic molecules tend to interact strongly with water resulting in 

lower fluidity or more structuring of water. High kosmotropic anion would interact strongly with 

water molecules than with protein surface, protecting the protein from hydration as well as from 

the unfolding. This will result in protein stabilization. Low kosmotropic cation will not compete 

with kosmotropic anion, thereby contributing to the stabilization of protein [90]. 1-Butyl-3-

methylimidazolium tetrafluoroborate (BMIM[BF4]) RTIL has cation and anion groups that have 

been used for protein binding, characterization and purification [91] [92]. BMIM[BF4] has been 

tested before by Baker et al for its ability to preserve affinity based hapten recognition function 

of antibody. Although lower mobility and diffusion coefficient was observed in RTIL rich 

solvents as compared to phosphate buffer saline (PBS), they demonstrated equally uniform and 

stable antibody-antigen binding in neat BMIM[BF4] as compared to those measured in PBS [93]. 

 In this study, we demonstrate the use of BMIM[BF4] as a stabilizing agent for antibodies 

immersed in this liquid and immobilized on solid substrate.  The immunoassay is functionalized 
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on ZnO nanotextured thin films patterned on a nanoporous flexible polyamide substrate. RTILs 

have been studied before for their interactions with metal oxides under applications such as 

transistor configurations with electrical double layer (EDL) because of their ability for high 

density charge accumulation. The electrostatic and electrochemical interactions of cations and 

anions of RTILs with ZnO impart large interfacial capacitance that can also be used for signal 

amplification [94] [95]. 

 In order to evaluate the stability of developed sensor assay in body fluids, interleukin-6 

(IL-6) biomarker was selected. IL-6 is an inflammatory pluripotent cytokine comprising of 212 

amino acids and secreted by lymphoid and non-lymphoid cells [96]. IL-6 is an important 

biomarker and can be potentially used in monitoring immune response in treatment of cancer 

[96]. Increase in IL-6 levels has also been associated with elevated levels of acute stressors and 

cortisol secretion due to psychological stress after meta-analysis [96] [97]. Moreover, IL-6 

increases basal glucose intake and can influence insulin activity [98]. There is tremendous value 

in monitoring IL-6 levels as unlike other biomarkers, levels of IL-6 remain significantly similar 

in plasma and sweat, i.e., 5pg/mL to 15 pg/mL [99] [100]. We have demonstrated the use of 

BMIM[BF4] for maintaining the stability of immunoassay functionalized on ZnO deposited on 

polyamide membrane. Time based study for evaluating the sensor performance for detection of 

IL-6 from human sweat was carried out using Fourier transform infrared spectroscopy (FTIR) 

and electrochemical impedance spectroscopy (EIS). 
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6.3 Materials and Methods 

6.3.1 Sensor fabrication 

Fig. 6.1A shows the sensor fabricated on a flexible nanoporous polyamide substrate with the 

electrodes and active region of ZnO. The detailed procedure followed for fabrication of these 

sensors is described in the prior publication [71]. ZnO thin films sputtered onto each substrate 

demonstrate the resistivity of 0.02 Ω/cm. ZnO was patterned in the area between the two gold 

electrodes to get maximum overlap. 

6.3.2 Materials 

Polyamide substrates with 0.2 µm pore size were obtained from GE Healthcare Life 

Sciences (Piscataway, NJ, USA). The linker molecule Dithiobis [Succinimidyl Propionate] 

(DSP) and its solvent Dimethyl Sulfoxide (DMSO) were ordered from Thermo Fisher Scientific 

Inc. (Waltham, MA, USA). The monoclonal mouse antibody to IL-6 (α-IL-6) was obtained from 

Abcam (Cambridge, MA, USA). Full length recombinant IL-6 protein was obtained from 

Thermo Fisher Scientific Inc. (Waltham, MA, USA). The monoclonal α-cortisol antibody and 

cortisol hormone (Hydrocortisone) was ordered from Abcam (Cambridge, MA, USA). D-(+)-

glucose was obtained from Sigma-Aldrich (St. Louis, MO, USA). Human sweat was purchased 

from Lee biosolutions Inc. (St. Louis, MO, USA) where it was collected from single human 

donor with pH ~ 4-5. No preservatives have been added to this product and it was stored 

unfiltered at below -20°C. BMIM[BF4] was purchased from Sigma-Aldrich (St. Louis, MO, 

USA). All the IL-6 dilutions are made in human sweat. Antibody was reconstituted in DI water 

(conductivity 18.5 MΩ.cm) and further diluted in RTIL in required concentrations. 
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6.3.3 Experimental setup for ATR-IR spectroscopy 

IR spectra were obtained using a Nicolet iS-50 Fourier transform infrared spectrometer equipped 

with deuterated triglycine sulfate (DTGS) detector and KBr beamspiltter.  Attenuated total 

reflection (ATR) IR spectroscopy was performed using germanium crystal which has a mid-IR 

range covering 4000 cm
-1

 to 600 cm
-1

 wavelength. Germanium crystal offers high refractive 

index of 4.0 and incident angle of 42°. It is useful for solutions of pH range from 1-14. Spectra 

were collected in nitrogen atmosphere by performing 1024 scans at resolution of 4 cm
-1

. 

 Sample preparation for FTIR was carried out by depositing a thin layer of 25 nm chrome 

and 125 nm gold on glass substrates (Fisher Scientific Inc., Waltham, MA, USA) using physical 

vapor deposition. This was followed by formation of ZnO thin film of ~100 nm sputter deposited 

using AJA Orion RF magnetron with a 99.999% ZnO target (Kurt J. Lesker) at room 

temperature. Incubation of DSP linker molecule dissolved in DMSO at 10 mmol concentration 

was carried out for 3 hours on these surfaces. After functionalization of DSP linker, α-IL-6 was 

incubated for 30 mins. α-IL-6 was diluted to 100 µg/mL concentration to form separate solutions 

using 100% PBS and 75% BMIM[BF4] with 25% PBS. The substrates were washed with PBS 

solution and dried with nitrogen for further experimentation. Time based measurements were 

carried out at T0, T24 and T48 where subscript denotes number of hours of storage of samples at 

4°C. 

 Separate FTIR spectra were collected on bottom of polyamide membrane dispensed with 

3 µL of IL-6 antigen in RTIL and with IL-6 antigen in PBS from top of the membrane to confirm 

the diffusion of IL-6 protein from top of the membrane to bottom. This study was carried out in 

interest of proving the wicking of sensor substrate attached to human skin with sweat and 
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transfer of biomolecules from bottom of sensor substrate to functionalized ZnO region on top of 

membrane as shown in Fig. 6.1B. 

6.3.4 Immunoassay preparation for EIS on sensor substrates 

Thiol-linker functionalization was carried out on the ZnO region after dispensing 3–5 μL volume 

of 10 mmol DSP diluted in DMSO and incubating for 3 hours at room temperature. This was 

followed by 30 mins incubation at room temperature of 100 µg/mL α-IL-6 antibody diluted in 

BMIM[BF4]. In case of time based study, after antibody immobilization for 30 mins at room 

temperature, sensors were stored in 4°C for 24 hours, 48 hours, 96 hours and 168 hours. After 

successful functionalization of antibody, human sweat solution was dispensed in 3-5 µL volume. 

This step was considered as zero dose or baseline measurement stage. IL-6 dilutions were made 

using human sweat in the range of 0.2 pg/mL to 200 pg/mL. These dilutions were serially 

dispensed in a sequence where the IL-6 concentration was increased from 0.2 pg/mL to 200 

pg/mL. Each IL-6 concentration was incubated for 15 minutes on the sensor surface prior to EIS 

measurement. For validating specificity of the sensor, cortisol molecule of concentration varying 

from 0.2 pg/mL to 200 pg/mL spiked in human sweat and glucose diluted in the range of 0.2 

pg/mL to 200 pg/mL in human sweat were also tested separately on the α-IL-6 immobilized 

sensor surfaces. 

 For demonstrating versatility of sensor platform, immunoassay based cortisol detection 

was also performed in human sweat. An α-cortisol antibody diluted in BMIM[BF4] was 

incubated after DSP linker functionalization. This was followed by dispensing human sweat in 3-

5 µL volume. This step was considered as zero dose or baseline measurement stage. Further 
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cortisol dilutions in human sweat of 1 ng/mL to 200 ng/mL concentrations were serially 

dispensed and measured using EIS. Each concentration was incubated for 15 mins before 

measurement. In order to verify the specificity of assay, IL-6 dilutions in human sweat of 

concentrations 1ng/mL to 200 ng/mL were tested on the α-cortisol immobilized sensor surfaces. 

In case of time based study, after antibody immobilization, separate sensors were stored in 4°C 

for 24 hours, 48 hours, 96 hours and 168 hours. 

 EIS measurements were taken by recording current flow using a potentiostat (Gamry 

Instruments, Warminster, PA, USA) after applying 10 mV AC voltage with a frequency sweep 

of 1 Hz to 1 MHz. All the measurements were carried out in dark and under ambient temperature 

conditions.  

 Sensor calibration response was calculated using n=4 samples. The response to the 

varying IL-6 concentration was captured in terms of ratio of change in total impedance (Zmod) 

between the baseline step impedance and impedance obtained for that particular concentration. 

The Zmod was captured at 10 Hz, the highest signal over noise ratio. Specific Signal Threshold 

(SST) was estimated by measuring replicates of a blank buffer sample and calculating the mean 

result and standard deviation [69]. A signal over noise ratio of 3 was used as a robust indicator of 

sensor performance and SST impedance as three times the noise signal is calculated. The noise 

level was defined as the multiple of standard deviation in average baseline (zero dose) 

measurement [69]. Limit of detection (LOD) was identified as the lowest IL-6 concentration 

likely to be reliably distinguished from the SST and at which detection is feasible [69]. 
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6.4 Results and Discussion 

6.4.1 IR spectroscopy based evaluation of antigen diffusion in RTIL through porous 

membrane 

 

Figure 6.1. A) Image of the developed sensor size in comparison with a cent. Image showing 

restricted wicking of fluid in active region of sensor. B) Schematic showing sensor design and 

stack. The inset representation shows interaction of RTIL and immunoassay with ZnO thin film 

on a porous membrane. 

 

The design of the sensor has been optimized to be used for detection of biomarkers from human 

sweat. Perspiration volume by normal human being on palm and fingers at a time is estimated to 

be 6-10 nL/min [101]. Hence, it is essential that the sensor is capable of operating with smaller 

volumes of sweat where it can be absorbed when the sensor comes in contact with skin. We used 



 

101 

polyamide membrane as a nanoporous substrate material that can absorb and hold small volume 

of sweat (3-5 µL) in ~5 mm
2
 area as demonstrated in Fig. 6.1A. Fig. 6.1A shows the restricted 

wicking of 3-5 µL of colored buffer solution on active region of sensor substrate. 

 This study is focused on understanding the effect of RTILs towards stability of antibody 

used in biorecognition through non-faradaic impedance spectroscopy. RTIL BMIM[BF4] 

(viscosity 94.89 cP) used in this study is more viscous than PBS buffer (viscosity 1 cP). Thus we 

evaluated the diffusion of IL-6 spiked in pure RTIL on the polyamide membrane. Fig. 6.2 shows 

the ATR-IR spectrum of only liquid drop where liquid is IL-6 is spiked in RTIL and spectrum of 

polyamide membrane captured from bottom side of the membrane immediately after IL-6 in 

RTIL is dispensed on the top of the membrane. The secondary structure of proteins can be 

studied using ATR-IR spectroscopy. The pertaining peaks are listed in Table 6.1 below. The 

peak pertaining to Amide A due to N-H stretching vibration is observed at ~3300 cm
-1

 in both 

the spectra. Amide I peak due to stretching vibration of C=O is observed at ~1674 cm
-1

and 1665 

cm
-1. 

Peak of Amide II derived mainly from in-plane N-H bending is observed at 1572 cm
-1

. C-N 

stretch of aliphatic amines is also observed at ~1064 cm
-1

[102]. 

Table 6.1. Peaks pertaining to secondary structure of proteins 
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Figure 6.2. FTIR of polyamide from opposite side of wicking on polyamide showing diffusion 

through membrane of IL-6 in RTIL 

 

From these results, it can be concluded that the presence of protein is observed at the bottom side 

of the membrane, indicating that the protein is diffusing through nanoporous polyamide 

membrane in presence of RTIL. 

6.4.2 Structural characterization of ZnO thin film 

Fig. 6.3A and Fig. 6.3B show the SEM images captured for polyamide membrane and for ZnO 

sputtered polyamide membrane. The intercalated nanoporous structure of the membrane is 

evident from this image. It can be observed from Fig. 6.3B that the ZnO thin film has been 

formed on the insides of the porous structure and the threads of the membrane have been covered 

with ZnO for optimal interaction of immunoassay with ZnO. 

 Fig. 6.3 C shows the structural parameters of the polyamide membrane provided by 

vendor, where the thickness of membrane is 110 µm and nominal pore size is 200 nm. The AFM 

characterization of ZnO thin film on silicon substrate revealed the surface roughness to be 16.9 
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nm and grain diameter to be ~20 nm. Thus a nano-textured ZnO based active region was 

designed on the polyamide membrane for bio-functionalization. 

 

Figure 6.3. A) SEM image of nanoporous flexible membrane B) SEM image of ZnO sputtered 

polyamide membrane C) structural parameters of membrane and ZnO thin film D) AFM image 

of ZnO thin film on silicon wafer 

 

 

6.4.3 IR spectroscopy for studying the stability over time of linker antibody conjugation 

in RTIL 

Fig. 6.4 shows the ATR-IR spectra of functionalized ZnO surface with DSP linker and α-IL-6 

antibody spiked in RTIL over a period of 48 hours. The first spectrum is for immobilization of 

DSP linker on ZnO surface. The spectrum shows peak at 1777 cm
-1 

depicting the presence of 

symmetric carbonyl stretch of NHS ester in DSP. Peaks at 1762 cm
-1 

and 1744 cm
-1 

is observed 
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due to asymmetric carbonyl stretch of NHS in DSP. Peaks at 1436 cm
-1

 and 1417 indicate 

vibrations of methylene scissors in DSP. Symmetric C-N-C stretch of NHS is observed at 1316 

cm
-1

[103]. Other three spectra indicate presence of protein antibody over period of 48 hours. It 

can be observed that the peak at 1667 cm
-1

 is present in all these spectra which can be attributed 

to the Amide I region of the protein. A peak at 1742 cm
-1

 indicates free carboxylic acid. 

 The binding between DSP linker and antibody is indicated by the breaking of C-O bond 

of NHS ester and binding of primary amine of the antibody in that position depicting aminolysis 

as shown in inset of Fig. 6.4.  

 

Figure 6.4. FTIR spectra of DSP linker immobilized on ZnO surface (top) , antibody 

immobilized on DSP linker over T0, T24 and T48 hours 
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 This process is verified through 1) decreasing peak height of 1780 cm
-1

 and increasing 

peak height at 1665 cm
-1

 from DSP spectra over the DSP-Ab spectra of T0, T24 and T48 hours 2) 

there is a breaking of C-O vibrations which is accompanied by decreasing peak at 1150 cm
-1

.  

These variations in peak heights can be interpreted as breaking of NHS ester and increase in 

Amide I due to binding of linker to antibody over time. The band assignments and peak heights 

calculated are listed in Table 6.2. 

Table 6.2. Band assignments in DSP linker (blue) and band assignments in antibody (red) and 

corresponding the changing peak  heights 

 

6.4.4 Calibration of antigen IL-6 detection using EIS in human sweat 

After structural characterization of antibody stored in 4°C for 24 hrs and 48 hrs, the binding 

interaction of antibody IL-6 with antigen IL-6 was measured by performing EIS experiments and 

captured data was analyzed using Nyquist and Bode plots as described in Methods section above. 

Fig. 6.5 represents the ratio of change in Zmod captured at 10 Hz for a particular condition and 

calculated as per the equation 1 given below. 
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𝑟𝑎𝑡𝑖𝑜 𝑜𝑓 𝑐ℎ𝑎𝑛𝑔𝑒 𝑖𝑛 𝑍𝑚𝑜𝑑 =
(𝑍𝑚𝑜𝑑𝑜𝑓 𝑐𝑜𝑛𝑐𝑒𝑛𝑡𝑟𝑎𝑡𝑖𝑜𝑛− 𝑍𝑚𝑜𝑑 𝑜𝑓 𝑏𝑎𝑠𝑒𝑙𝑖𝑛𝑒)

𝑍𝑚𝑜𝑑 𝑜𝑓 𝑏𝑎𝑠𝑒𝑙𝑖𝑛𝑒
 … … … … … . … … … … 𝐸𝑞. 6.1 

 Fig. 6.5 represents variations of percent change in Zmod as the concentration of IL-6 

antigen was varied from 0.2 pg/mL to 200 pg/mL. Each of the set on x-axis represents the time 

of storage of antibody functionalized sensor surface at 4°C, i.e., T0, T24, T48, T96 and T168. In 

summary, the calibration of IL-6 detection for concentrations from 0.2 pg/mL to 200 pg/mL 

spiked in human sweat and measured on functionalized sensors surfaces at T0, T24, T48, T96 and 

T168 is illustrated. The SST calculated as described in Methods section is found to be at 0.22 

which is indicated by dashed brown line in Fig. 6.5. Also, the LOD for each calibration is also 

shown in Fig. 6.5. 

 

Figure 6.5. Percent change in Zmod ratio of IL-6 antigen concentration varying from 0.2 pg/mL 

to 200 pg/mL tested for varying storage time of antibody IL-6 for time T0, T24, T48, T96 and 

T168 at 4°C. The dashed brown line represents specific signal threshold (SST) 
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At T0, the ratio varies from 26% to 62% for increasing concentration of IL-6 from 0.2 pg/mL to 

200 pg/mL. At T24 and T48, the ratio varies from 24% to 60% and from 18% to 56% respectively 

for varying concentration of IL-6 from 0.2 pg/mL to 200 pg/mL. At T96 and T168, the range drops 

to 16% to 37% and 5% to 29% respectively. Non-Faradaic EIS measurements quantify the 

binding interactions of immunoassay and antigen based on mainly the capacitive changes that 

occur at the electrical double layer (EDL) due to change in dielectric constant. The sudden drop 

in the ratio of change in Zmod at T96 and T168 can be associated with reduced binding of IL-6 

antigen to IL-6 antibody. The declined interaction between antibody-antigen can be due to 

reduced stability or conformation deformation of antibody. Since the antibody-antigen 

interaction is weakened, the changes in dielectric constant at EDL are not quantified well above 

noise level of the sensor system. Thus the LOD also varies from being 0.2 pg/mL for T0, T24 and 

2 pg/mL for T48 and it further drops to 5 pg/mL for T96 and 200 pg/mL for T168. 

6.4.5 Specificity study for IL-6 detection using EIS in human sweat 

Specificity of the sensor means that the sensor responds only to the target analyte and to other 

similar molecules. Label-free biosensors depend on antibody or capture probe selectivity to 

distinguish between specific and non-specific interactions. Thus in order to evaluate the 

specificity of the immunoassay developed for IL-6 detection, experiments were performed with 

cortisol and glucose molecule as described in Methods section. Fig. 6.6 displays the calibration 

plotted for cortisol, glucose and IL-6 molecules varying in range of 0.2 pg/mL to 200 pg/mL and 

tested on IL-6 antibody functionalized surface for T0, T48, T96 and T168. It can be observed from 

the graphs that there is significantly higher specific signal for IL-6 antigen above the signal 
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threshold ratio SST of 0.22 (brown dashed line in Fig. 6.6) until T48. At T96 and T168, only the 

higher concentrations of 20 pg/mL and 200 pg/mL fall above threshold SST. However, at all 

time intervals, ratio of impedance change indicative of response of cortisol and glucose 

interactions with IL-6 antibody was found to be below  ratio value 0.22 which is SST. Therefore 

these graphs prove the specificity of the IL-6 detection with the developed immunoassay and 

non-specific behavior towards cortisol and glucose. 

 

Figure 6.6. IL-6 antibody specificity towards IL-6 antigen and non-specific interactions with 

cortisol and glucose biomolecules for time intervals of antibody storage of T0 to T168 
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6.4.6 Cortisol detection and specificity study in human EIS 

In order to prove the versatility of developed sensor and concept of using RTIL spiked antibody 

for functionalization, we performed experiments using cortisol antibody for cortisol detection in 

the similar way as described in details in methods section. The cortisol concentrations from 1 

ng/mL to 200 ng/mL were spiked in human sweat and tested on cortisol antibody functionalized 

sensor surface. The specificity of this assay was cross-verified by evaluating its response to non-

specific molecule IL-6 using EIS. The results of these experiments where ratio of change in Zmod 

is extracted from EIS data are displayed in Fig. 6.7. The signal threshold SST in this case was 

found to be at ratio of 0.208.  

 It can be observed from Fig. 6.7 that for T0, the variation in ratio was from 0.2 to 0.7 for 

cortisol concentration ranging from 1ng/mL to 200 ng/mL. The LOD at T0 was observed to be at 

1 ng/mL. However, at T48, the ratio decreased to 0.1 to 0.52 for cortisol concentration ranging 

from 1ng/mL to 200 ng/mL and LOD was found to be at 10 ng/mL. At T96, similar to behavior 

in Fig. 6.5, the response of the cortisol antibody towards cortisol detection is diminished for 

lower concentrations and ratio varied from 0.004 to 0.48 for cortisol concentration ranging from 

1ng/mL to 200 ng/mL. Here the LOD increased to 200 ng/mL. At T168, the lower concentrations 

are overlapping in their ratio at 0.22 – 0.24 and LOD is at 200 ng/mL. Thus there is a linear 

calibration response for cortisol detection until T48. The signal for non-specific molecule IL-6 

remained below SST of 0.2 at T0 and T48 time intervals. However at T96 and T168, the higher IL-6 

concentration 200 ng/mL was observed to be just above SST at ratio of 0.25 and 0.4. This 

indicates that the stability of antibody was declined at higher time intervals beyond T48, leading 

to non-specific interactions. 
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Figure 6.7. Cortisol antibody specificity towards cortisol antigen and non-specific interactions 

with IL-6 antigen for time intervals of antibody storage of T0 to T168  

 

6.5 Conclusion 

Non-Faradaic, label-free sweat based detection of biomarkers is one of the most promising 

approach for development of wearable sensors. Non-Faradaic detection methodology ensures 

electrochemical transduction of biomolecular interactions. Its mechanism allows application of 

lower voltages (~10 mV) and at the same time the components of sensor do not chemically react 

with biomolecules of interest as a chemical label such as redox polymers or fluorophores. 

However, the challenge lies in maintaining the stability of sensor components such as antibody 
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or capture probe, linker immobilization on active region of sensor. In this study, we have 

analyzed solutions to tackle the issue of stability of linker molecule and capture probe on sensor 

surface. The stability of antibody diluted in BMIM[BF4] and its ability to reliably detect specific 

antigen was studied using electrochemical impedance spectroscopic and IR spectroscopic 

techniques. It was observed that the Amide I peaks of antibody were retained until 48 hours 

using IR spectroscopic techniques. While, quantification using electrochemical impedance 

spectroscopic measurements demonstrated the stability and signal response to varying antigen 

concentrations until 96 hours. The calibration observed for IL-6 antibody based IL-6 detection 

was linear in the range of 2 pg/mL to 200 pg/mL until 96 hours, where highest LOD was found 

to be at 0.2 pg/mL for T0 and T24, at 2 pg/mL for T48 and 5 pg/mL for T96.  The physiologically 

relevant range of IL-6 in human sweat varies from 7 pg/mL to 15.5 pg/mL and in human plasma 

from 5 pg/mL to 13.5 pg/mL. Thus it can be concluded that the sensor stability is sustained until 

96 hours and can be utilized for detection of IL-6 from human sweat. Further, as IL-6 range in 

human sweat and plasma are very similar, this work can be potentially implemented in wearable 

devices for physiological monitoring and correlation of sweat and plasma levels for various 

biomarkers. 
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CHAPTER 7 

CONCLUSION AND FUTURE WORK 

This dissertation has demonstrated preliminary proof of concept by developing a prototype for 

wearable biosensing from human sweat. This diagnostic platform is currently suitable for one 

time usage for detection of biomarkers. This work leverages the properties of nanotextured 

functional materials in order to enhance the performance of the sensor. This research has 

contributed towards the evaluation of 1) the charge modulation in the electrical double layer 

formed at ZnO semiconductor/liquid interface due to interaction of various biomolecules in 

nanoconfinement 2) strategies for surface functionalization of ZnO thin film and its influence on 

biosensor performance 3) usability of configuration of three electrode biosensor and the variation 

in the sensor sensitivity based on alternating and direct current modulation 4) affinity based 

immunoassay for detection of different types of biomarkers from human sweat 5) incorporation 

of suitable room temperature ionic liquid to sustain the stability of immunoassay. We have laid 

the groundwork towards the development of non-Faradaic affinity based wearable bisoensing 

platforms that can operate non-invasively, with small amounts of fluid and are capable of stable 

consistent performance.  

 This work has demonstrated ultrasensitive detection of cortisol, glucose and IL-6 from 

human sweat in clinically relevant physiological ranges. These three biomolecules are correlated 

to each other and variations in the physiological level of one can affect the levels of other 

molecule. Cortisol being a glucocorticoid hormone, plays an important role in regulation of 
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glucose metabolism. Similarly, IL-6 being an inflammatory cytokine plays role in various 

physiological processes. Increased stress can lead to increase in IL-6 levels which can affect 

glucose uptake. Thus simultaneous monitoring of these three biomarkers is extremely beneficial 

for Diabetes and stress management at personalized levels through wearable biosensing. Thus 

the future work can be focused on simultaneous multiplexed detection of these biomarkers from 

human sweat and observe their correlations to evaluate trends for Diabetes and stress 

management. 

 The capacitive charge modulations of affinity based immunoassay on ZnO thin films are 

highly suitable for sensitive and specific biomarker detection. This technique can be further 

leveraged to enhance sensor usability. ZnO thin films can be doped to alter the surface states 

such that they are suitable for various other linker chemistries to impart reversibility and thus 

reusability. This research work mostly utilized AC modulation through electrochemical 

impedance spectroscopy (EIS) as a primary technique to tap into capacitive charge modulations 

on the sensor surface. However, a combinatorial technique of using cyclic voltammetry, 

chronoamperometry along with EIS can be explored further to improve specificity of the senor.  

Thus future work can also be focused towards development of three electrode design to enable 

reliable DC modulation based measurements for detection of biomarkers.  

 Lastly, room temperature ionic liquids, merely due to their versatile useful properties in 

terms of capacitive charge amplification at electrical double layer, physical properties such as 

low vapor pressure, flexibility of replacing cationic and anionic moieties as per requirement of 

application and ability to selectively stabilize protein structures open doors to multiple research 
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avenues to explore stability and sustainability of affinity based immunoassay for continuous 

wearable biosensing. 

 Thus a combinatorial methodology of incorporation of functional materials and their 

optimized utilization is a promising approach for advancement of wearable biosensors.  
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