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Abstract

Continuous health monitoring and integrated diagnostic devices are revolutionizing

the modern healthcare system. Biosensors serve as an essential tool in detecting and

monitoring a wide range of medical conditions from diabetes to cancer for precision

healthcare. The global biosensor market value was 22.4 billion USD in 2020 and is

expected to reach 41.8 billion USD by 2028. In 2020, the medical segment accounted

for 66.6% of the biosensor market revenue [1]. The invention of conducting polymer,

which has excellent properties, paved the path for creating inexpensive organic elec-

tronics for biosensing. Organic electrochemical transistors (OECTs) have emerged

as a versatile biosensing platform due to their low operation voltages, compatibility

with aqueous environments, and intrinsic signal amplification. Owing to the simple

device structure, OECTs are compatible with 3D printing technology that enables

rapid customization of biosensing platforms to meet specific requirements.

In this work, OECTs are fabricated and optimized using two different 3D printing

systems. The influence of geometric parameters on the performance of the printed

OECTs is first studied. The geometric optimization study is important for achieving

the desired sensitivity and detection limit. Ions and certain molecules can be directly

sensed by OECT due to the intrinsic ion sensitivity of channel materials and electro-

chemical properties of the molecules. Interaction with most analytes and selectivity of

biosensors rely on functionalizing the devices with bioreceptors that only respond to

the target analyte. Two functionalization approaches, physisorption and chemisorp-

tion, are taken to modify the printed OECTs for different sensing applications.

The unfunctionalized printed OECTs are capable of sensing ions and ∆9-THC
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concentrations in synthetic saliva buffer. These results indicate that 3D printing

techniques are suitable for fabricating high-performance OECTs that have sufficient

precision for biosensing applications.

Functionalization of aerosol jet printed OECTs with glucose oxidase (GOx) via

physisorption for glucose sensing is thoroughly studied. The effects of functional-

ization sites and nanomaterials are investigated by comparing four configurations:

unfunctionalized OECT with floating GOx, GOx functionalized channel, GOx func-

tionalized printed Pt gate, and GOx functionalized sputtered Pt gate. The printed

OECT with GOx functionalized printed Pt gate shows the best performance with a

detection range between 100 nM to 50 mM and two sensitivities of 0.022NR/dec for

100 nM to 250 µM and 0.255NR/dec for 250 µM to 50 mM. The performance of this

sensor is then evaluated in artificial sweat with a detection range of 0.1 to 10 mM,

which is well within the human sweat glucose concentration range.

N-heterocyclic carbene (NHC) ligands form extremely stable bonds with metals

and have great potential in conjugating organic molecules to metal surfaces. Printed

Au electrodes are functionalized with alkyne-modified NHC ligands. The biotin

molecules are tethered to the Au electrodes by copper-catalyzed alkyne-azide click

chemistry. These modified electrodes are used as gate electrodes for printed OECTs,

and streptavidin binding is detected. As the gate functionalization is completely iso-

lated from the device, a variety of processes can be used without damaging the OECT

device performance.

Lastly, a point-of-care (POC) COVID-19 diagnostic device is developed. The POC

COVID-19 diagnostic device consists of a single-use disposable OECT based biosen-

sor and a custom designed signal processing circuit. Anti-SARS-CoV-2 antibodies

are conjugated onto the in-plane gate electrode of the printed OECT. The OECT

based biosensor shows selectivity towards SARS-CoV-2 spike proteins with a limit of

detection of 1 fg/mL and detects virus-like particles (VLPs) with a sensitivity of -45.7

± 13.0 mV/dec. The POC diagnostic device is used to test clinical nasopharyngeal
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samples with an overall accuracy of 87.5%. This is a label-free technique that takes

less than 10 minutes to test each sample. This rapid POC diagnostic system could

be easily translated to real-world on-site or at home detection device and modified

for other applications.

In summary, 3D printing techniques have been employed for fabricating high-

performance OECTs that are functionalized using different strategies for the detection

of glucose, streptavidin, and SARS-CoV-2. These 3D printed OECTs are suitable

for different biosensing applications and capable of detecting the analyte in various

electrolytes including saliva, sweat, and nasopharyngeal samples. Therefore, this

work has demonstrated that there is a bright future for 3D printed OECT based

biosensors which will make a significant contribution towards the advancement of

precision health.
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Chapter 1

Introduction

1.1 Motivation

Monitoring physiological changes provides critical health related information. Current

healthcare practices are mostly centralized and reactive. Disease prevention, early

diagnosis, and management usually rely on limited physiological information collected

months and years apart [2]. These tests are often performed by trained healthcare

workers and require complex laboratory equipment. The wearable biosensor is a

rapidly growing field that aims to tackle these limitations of the healthcare system by

providing individuals with insights into their physiology [3]. Frequent measurements

of physiological parameters help to establish baselines and identify abnormal signals.

Wearable devices are proven to be useful in the identification of early signs of Lyme

disease and inflammatory responses [4].

Figure 1.1: Schematic of the main components of a biosensing platform.
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Over the past few decades, efforts have been devoted to the development of com-

pact and affordable wearable biosensing platforms and point-of-care diagnostic tools.

As shown in Figure 1.1, the three main components of a biosensing platform are the

bioreceptor that directly interacts with the analyte, the transducer that converts the

biological and chemical signal to electrical signal, and the circuit components for data

processing and transmission. Among different types of transducers, electrochemical

sensors have been widely used for biosensing applications. Electrochemical sensors

are usually based on passive surface electrodes and use the three-electrode cell con-

figuration that consists of a working, counter, and reference electrode. Usually, the

biorecognition elements are immobilized onto the working electrode. The develop-

ment of electrochemical sensors is relatively mature and many of them can be found

in commercially available products. The surface electrodes are relatively robust, cover

a reasonable detection range, and need simple electronic circuit components for read-

out [5, 6]. However, surface electrode based electrochemical sensors are restricted by

their surface area. Small surface area increases the impedance and limits the active

site for the interaction between the bioreceptor and the analyte. Therefore, there is

a need for active components to be integrated into these sensing platforms.

Figure 1.2: Schematic of (a) an OFET and (b) an OECT.

Field-effect transistor (FET) based sensors have been receiving increasing interest

due to their intrinsic signal amplification. Conventional silicon-based transistors are

usually rigid, use non-biocompatible materials, and have high processing and fabri-
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cation cost. All these drawbacks could be overcome by utilizing organic semiconduc-

tors (OSCs). OSCs are mechanically flexible, biocompatible, solution-processable,

and compatible with large-scale low-cost fabrication techniques. Their properties

could be tuned by modifying chemical structures. Hence, organic thin-film transistors

(OTFTs), such as organic field-effect transistors (OFETs) and organic electrochemical

transistors (OECTs) are promising candidates for biosensing applications. The basic

device structures of OFET and OECT are shown in Figure 1.2. The performance of

OFET is greatly dependent on the OSC crystallinity, metal/OSC contact quality, and

the OSC/dielectric interface quality. For OFET based biosensors, the biological and

chemical signal is usually transduced into an electrical signal through the changes in

the effective gate voltage and/or the charge carrier density near the OSC/dielectric

interface, which is induced by the bioreceptor-analyte interaction. For OECTs, the

dielectric layer is replaced by a liquid/gel electrolyte and the channel material is ion-

permeable OSC. The operation of OECT relies on the bulk channel doping/dedoping

modulated by the ions injected into the channel from the electrolyte. OECTs exhibit

great stability in aqueous environments, require low operation voltages (usually less

than 1 V) that prevent undesired redox reactions, and have high transconductance.

In sensing applications, transconductance is directly correlated with the sensitivity

[7]. These features of OECT make it more suitable for biosensing applications.

Even though OTFTs have been employed as transducers to detect various analytes,

there is still room for improvement. Selectivity and sensitivity are the key parameters

for evaluating the performance of a biosensor. To meet the demand for sensing the

specific biological analyte, organic transistors need to be functionalized with biorecog-

nition elements to improve the device-analyte interactions. The sites of modification

and functionalization methods need to be considered for device functionalization [8].

Functionalizing the OSC layer is a widely used approach for improving selectivity and

sensitivity [9]. This approach results in direct response to the interaction with the

analyte, but certain immobilization techniques could damage the channel material
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and lead to significant deterioration of device performance. Gate and dielectric func-

tionalization are alternative approaches that improve the sensing selectivity without

affecting the channel electrical properties. Different functionalization methods may

be selected based on the modification site and the type of biomolecule that needs

to be attached. It is important to establish strong and stable bonds between the

biomolecule and the surface to ensure reliable sensor performance.

Another challenge for the commercialization of custom-designed biosensing plat-

forms is the high fabrication costs. Most of the surface electrodes and electronic

devices are still produced by conventional microfabrication methods in a cleanroom

environment. Material patterning and deposition are performed as separate steps.

Photolithography is the main technique used for material patterning. A photomask is

required to transfer the designed patterns onto the substrate as photoresist patterns.

Then a series of material deposition and chemical treatments, such as sputtering,

etching, and liftoff, is carried out to produce the patterns of the desired materials.

Microfabrication possesses several advantages. It is capable of producing high-quality

materials and contacts with pattern size in the sub-nanometer range and provides

precise control of the shape and size. Hence, with optimized designs and processes,

microfabrication is cost-effective, as the desired patterns can be created over the

entire substrate with a high density and batch processed. However, tailoring the

biosensing platforms for precision health monitoring requires frequent change of the

design, which requires a new photomask each time when using microfabrication and

results in high time and material consumption. The invention of organic semicon-

ductors paves the path for manufacturing electronics with low-temperature solution-

processable techniques, such as spin-coating, drop-casting, and printing techniques.

Creating electronics by diverse printing techniques has emerged as a new industry

known as printed electronics. Different additive manufacturing technologies are uti-

lized for printed electronics, where the material is deposited and patterned at the

same time. Some commonly used printing techniques are screen-printing, gravure

4



printing, inkjet printing, and 3D printing. 3D printing is a digital process, in which

a 3D model of the object is designed and sliced into layers using software, and the

object is built layer by layer using different technologies, such as fused deposition

modeling (FDM), stereolithography (SLA), flow-based direct writing, and aerosol jet

(AJ) printing. A wide range of materials, including metals, semiconductors, and di-

electrics, can be deposited by 3D printing. 3D printing is compatible with various

flexible substrates and is possible for large-scale production. Moreover, the patterns

can be easily changed by modifying the 3D model using CAD software. Even though

the performance of printed devices may not be comparable to microfabricated devices,

it is still sufficient for certain biosensing applications. Combining with the fast pro-

totyping feature, this makes 3D printing an ideal technique for fabricating affordable

customized biosensors.

The goal of this work is to optimize and functionalize 3D printed OECT biosen-

sors that can be integrated into portable biosensing platforms. OECT is chosen as

the transducer due to several advantages. OECTs have a simple device structure

that is desired for in-expensive printing techniques. Moreover, OECTs demonstrate

high intrinsic signal amplification with low operation voltages and compatibility with

aqueous media, which are the key requirements for biosensing application. To fulfill

the goal and address the challenges mentioned above, the first step is to select suitable

materials for printing OECT and optimize the printing and processing parameters.

Understanding the influences of geometry on electrical characteristics provides more

insightful information for choosing suitable device designs for specific sensing applica-

tions. OECTs have intrinsic ion sensitivity, and certain molecules could be detected

by simply changing the gate material. However, functionalization is still critical to

expand the sensing capability and improve the selectivity of OECTs. To develop

various biosensors, both physisorption and chemisorption are utilized in this work to

modify the printed OECTs. Optimization of the device functionalization is based on

the choice of modification sites, the amount of material for the reaction, and adequate
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surface area for biomolecule immobilization and/or desired electrochemical reactions.

This work contributes to the development of affordable biosensing platforms.

1.2 Outline

This thesis is organized into 10 chapters, beginning with the motivation of the work

in chapter 1.

Chapter 2 is the background chapter. In this chapter, a brief introduction of

the existing biosensor technologies, the working principle, materials, and fabrication

methods of OECTs, and surface functionalization techniques are presented with rel-

evant literature.

Chapter 3 explains the material selection for both nScrypt and Optomec AJ5X

3D printing systems and the important processing parameters for each system. The

optimized printing and annealing parameters for each material that is used to build

OECT in the later chapters are presented in this chapter.

Chapter 4 reports the development of fully printed OECTs by using the nScrypt 3D

printing system. The device performances of OECTs assembled on different flexible

substrates are compared. These printed OECTs demonstrated intrinsic ion and pH

sensitivity.

Chapter 5 presents the optimization of aerosol jet printed OECTs with two different

contact materials, Ag and Au. The influences of device geometry on the device

performance were studied. The optimized OECT designs were used for developing

sensors in the later chapters.

Chapter 6 demonstrates molecular detection with AJ printed OECTs. An un-

functionalized OECT was used to sense the faradaic current induced by the electro-

oxidation reaction of ∆9-THC molecules at the Pt gate electrode. Spike tests were

conducted with ∆9-THC dissolved in synthetic saliva buffer. The ∆9-THC concen-

tration correlated with the change of drain current. This chapter demonstrates the

potential of using AJ printed OECTs as disposable salivary ∆9-THC sensors.
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Chapter 7 reports the functionalization study of glucose sensors based on AJ

printed OECTs. The glucose oxidase enzyme was physically adsorbed onto OECT

to detect the glucose concentrations. Four different functionalization configurations

were used to study the effects of functionalization sites and the benefits of using

biomaterials and nanomaterials.

Chapter 8 presents a biosensor platform based on AJ printed OECT and an ex-

ternal printed Au gate functionalized with alkyne-NHC. The deposition of alkyne-

NHC was confirmed by various methods. Biotin molecules were immobilized onto the

Au electrode surface via click chemistry. Biosensing was demonstrated by detecting

streptavidin-biotin binding.

Chapter 9 describes the development of an OECT based rapid COVID-19 diagnos-

tic tool. The biosensor was based on an AJ printed OECT with an in-plane Au gate

functionalized with SARS-CoV-2 antibody via chemisorption. The antibody-antigen

binding was used to detect the presence of the virus. A custom designed circuit was

integrated for user interface, signal processing, and data collection.

Chapter 10 summarizes the primary outcomes and presents the future perspectives

of this thesis.
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Chapter 2

Background

2.1 Biosensors

Biosensors have demonstrated their potentials in the applications of various fields,

including agriculture, environmental monitoring, food industry, and medical science.

Biosensors are compact analytical tools that convert biological signals into measurable

electrical signals [10, 11]. The three key components of a biosensor are the biorecog-

nition elements integrated on the biosensor surface for recognizing the target analyte,

the transducer component that is responsible for the transduction of the biological

response into an electrical signal, and the electronic system for the signal amplifica-

tion and processing, the data transmission, and the result display. The development

of biosensors is multidisciplinary research that requires knowledge and expertise from

biology, chemistry, and engineering [12]. Flexible and wearable biosensors have gained

increasing attention in healthcare applications ranging from rapid disease diagnostics

[13, 14], continuous monitoring of chronic diseases [15–18], to the controlled delivery

of therapeutic drugs [19, 20].

In the traditional clinical settings, blood and urine samples are collected routinely

and then analyzed by trained workers using bulky and expensive analytical instru-

ments. As the level of the analyte of interest is not continuously monitored, some

changes may not be accurately captured. In addition, numerous medical diagnoses

are based on blood and urine samples, which are not suitable for long-term continu-
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ous monitoring. Wearable biosensors are capable of real-time quantification of critical

biomarkers and metabolites. Tremendous efforts have been made towards developing

wearable biosensors for the non-invasive detection of biomarkers in different body

fluids, such as saliva, sweat, tear, interstitial fluids, and breath. Wearable biosensors

offer more dynamic information about the target analytes and a wide range of health

conditions, and hence are considered as important tools for future deployment of

precision health which will reduce healthcare system burden by promoting decentral-

ized healthcare delivery [21–24]. There are unique challenges in developing flexible

biosensors for wearable personal health monitoring. The transducer is assembled on

a substrate with bioreceptors specific to the analyte of interest immobilized onto the

transducer. In order to use the flexible biosensor for healthcare monitoring, it should

selectively detect the target analyte with linearity in the desired concentration range.

The substrate selection is an essential step for fabricating wearable biosensors, as it

forms the foundation and the primary mechanical support of the entire system [21, 22].

The materials selected for the transducer should be susceptible to the same mechani-

cal deformation as the substrate without delamination and performance deterioration

[25]. Therefore, all elements of the biosensor should have desired stability, mechanical

flexibility, and biocompatibility, preventing undesired interaction and damage to the

surrounding physiological environment.

Among different types of biosensors, electrochemical biosensors have been most

studied for wearable applications due to their unique properties. Electrochemical

biosensors usually consist of a working, reference, and counter electrodes. The work-

ing electrode is the site of signal transduction, the reference electrode serves as a

potential reference point, and the counter electrode is used to complete the electrical

circuit such that the current can flow between the working and counter electrodes

and be recorded. The analyte detection is achieved by sensing the local impedance or

potential changes induced by the electrochemical reactions at the working electrode

surface. The electrode material, surface modification, and electrode dimension have
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great influences on biosensor performance. However, using this type of electrodes for

recording physiological and biological signals is often challenging and requires exter-

nal amplification [26, 27]. Therefore, various types of transducers have been explored

for electrochemical biosensors.

2.2 Organic Electrochemical Transistor (OECT)

Organic thin film transistors (OTFTs) have attracted considerable attention in the

recent few decades for a wide range of applications, especially in the field of chemical

and biological sensing, as they have unique properties such as solution processability,

mechanical flexibility, and lightweight. Two main types of OTFTs that have been ex-

tensive studies for biosensing applications are organic field effect transistors (OFETs)

and organic electrochemical transistors (OECTs). Both these devices are three termi-

nal devices with source, drain, and gate electrodes and show similar current-voltage

(IV) characteristics as metal-oxide semiconductor field effect transistors (MOSFETs).

For a conventional OFET, the source and drain contacts are connected by an or-

ganic semiconductor (OSC) channel, and the gate electrode is separated from the

channel by a thin dielectric layer. The channel current of an OFET is modulated

by the gate voltage through field-effect doping which only happens near the inter-

face of the OSC and the dielectric. Similar to MOSFETs, the capacitance of gate

dielectric and the interface quality have significant impacts on the performance of

OFETs. Electrolyte-gated organic field-effect transistors (EGOFETs) are a special

type of OFET. In this case, an electrolyte is used instead of the gate dielectric layer.

EGOFETs operate similarly to the conventional OFETs. Upon the application of a

gate voltage, electric double layers (EDLs) form at both the gate/electrolyte interface

and the electrolyte/OSC interface. These EDLs can be viewed as nanometer-thick

capacitors which result in a much larger overall gate capacitance as compared to the

capacitance obtained by conventional gate dielectric materials [28]. The polarization

of the electrolyte induces a large electric field near the surface of OSC, leading to
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the accumulation/depletion of charge carriers in the OSC. EGOFETs operate with

low voltages as a result of the enhanced gate capacitance and charge carrier density

[29]. For an OECT, an ion-permeable electroactive conducting polymer film is used

as the channel material connecting the source and drain electrodes, and an electrolyte

medium is used between the channel and the gate electrode. In contrast to OFETs,

upon the application of a gate bias, the ions in the electrolyte are driven into the

channel film, and this process modulates the channel current due to reversible elec-

trochemical doping/dedoping of the bulk conducting polymer film. This bulk gating

effect results in both low operation voltage and high capacitance [30]. The biosensors

in this thesis were developed using OECTs through various device configuration and

functionalization techniques, as OECTs have a simple device structure that is com-

patible with printing techniques, operate stably in aqueous media with low voltages,

and show high transconductance.

2.2.1 OECT Working Principle

Figure 2.1: Schematic of a p-type OECT.

Figure 2.1 shows the schematic of a p-type OECT. The device physics of a p-type

depletion mode OECT has been explained by Bernards et al. [31] and Friedlein et

al. [32]. This model provides a quantitative way to predict the OECT’s behaviors.
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According to the Bernards model, an OECT can be viewed as an electronic circuit,

which describes the electronic charge flow obeying Ohm’s law, and an ionic circuit,

which describes the flow of ions. The electronic circuit is considered as a resistor, and

the drift of electronic charges in the channel is affected by the local potential, which

behaves similarly to the charge drifts in MOSFET. The ionic circuit describes the

ionic charge transport in the direction of the gate, electrolyte, and channel, which is

modeled as a capacitor connected in series with a resistor [32]. The resistor describes

the ionic strength and conductivity of the electrolyte, and the capacitor describes the

polarization at the gate/electrolyte and channel/electrolyte interfaces. The source

and drain electrodes form contacts with the channel, in which an electric current

flows in response to a potential difference. Conventionally, a voltage is applied to the

drain contact across the grounded source contact (VD). The potential applied at the

gate electrode (VG) modulates the channel current (ID) by changing the doping state

and the conductivity of the channel material. When applying a negative drain voltage

(VD < 0) and zero gate voltage (VG = 0), the device is ON. When a positive gate

voltage (VG > 0) is applied through the electrolyte, the cations in the electrolyte are

driven into the porous channel film and compensate for the negative charges on the

PSS chain. To maintain the charge neutrality, the hole density within the channel

reduces, and therefore, ID decreases due to the reduction in channel conductivity,

which turns the device to its OFF state [31]. The steady-state characteristic of OECT

are similar to that of a MOSFET. Therefore, the dependence of ID as a function of

VG could be expressed in the following form:

ID =
Wd

L
µC∗(VT − VG +

VD

2
)VD (2.1)

where W , L, and d is channel width, length, and thickness, respectively. µ is hole

mobility. C∗ is the capacitance per unit volume that could be extracted from the

transient current response. VT is the threshold voltage. At saturation, where VD =
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VG − VT , the saturation current (ID,SAT ) could be expressed as follows:

ID,SAT =
Wd

2L
µC∗(VT − VG)

2 (2.2)

where the symbols have the usual meanings as described above. The magnitude of

ID is directly proportional to both the channel width to length ratio and the channel

thickness, which is different from the behavior of MOSFET. The dependence of drain

current on channel thickness is a unique property for OECT due to the ion penetration

from the electrolyte which changes the conductivity of the entire channel film [33].

Transconductance (gm) is an important parameter for OECT characterization and

defined as gm = ∆ID/∆VG. It describes how much the change in the gate voltage is

reflected on the change of drain current, and therefore it determines how effectively

the chemical or biological signal is transduced into an electrical signal for sensing

applications. The transconductance of an OECT is expressed as follows:

gm =
Wd

L
µC∗(VT − VG) (2.3)

where the symbols have the same meanings as described above. Rivnay et al. have

compared the performances of OECTs with different channel thicknesses and demon-

strated that the OECT’s transconductance is directly proportional to the channel

thickness due to the increase in the channel capacitance [33]. The large volumetric

capacitance also results in high transconductance at low operation voltage. The value

of C∗ is estimated by the amount of charge injected (Q) when a pulsed gate voltage

is applied. Channel current transient response can be used to estimate the time

constant (τ) of an OECT. Even though devices with a thicker channel have higher

transconductance, they also show a slower response time [33]. Therefore, the channel

dimension needs to be taken into consideration when designing devices for different

applications.

Even though the model of OECT is based on a p-type depletion mode device,

generally, the OECT could be either p-type or n-type and either depletion mode
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(normally ON) or accumulation mode (normally OFF) based on the properties of the

channel material.

2.2.2 OECT Materials

Substrate

The choice of substrate is crucial to the device fabrication, as the substrate is the

foundation on which the biosensor is constructed [25]. To develop flexible biosensors,

the substrate should have good mechanical flexibility, chemical compatibility with

the wet processes, and thermal stability to withstand the processing and anneal-

ing temperatures. Moreover, strong adhesion between the deposited materials and

the substrate is necessary. For OECTs, the substrate should be electrically insulating

and non-electroactive. Since biosensing requires the direct contact of the devices with

the physiological environments, the substrates should also have excellent biocompat-

ibility and not induce any toxic effects to the surrounding biological system during

testing [34]. Parylene C is a semi-crystalline polymer and has been widely used as the

substrates for microfabricated OECTs due to its mechanical flexibility and biocom-

patibility [7, 35]. By carefully controlling the deposition parameters, parylene C films

of only several micrometers thick could be achieved and have been used to fabricate

ultra-flexible bioelectronic devices. Owing to the low temperature processability of

conducting polymers, paper and plastic films can also be used as the substrates for

OECTs. Some popular plastic substrates are polyethylene terephthalate (PET) [36,

37], polyimide [16, 38], polyethylene naphthalate (PEN). Silk fibroin [39], textile [40],

and paper [41] substrates have also been used for developing flexible OECTs.

Channel Materials

The channel of an OECT typically consists of conducting polymers that are based

on π-conjugated systems. A conjugated polymer is characterized by a backbone of

alternating single and double bonds, which contribute to the optical, electrochemical,
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Figure 2.2: Chemical structure of polyacetylene demonstrating π- and σ-bonds.

and electrical properties. Polyacetylene (Figure 2.2) is the first synthesized conduct-

ing polymer discovered by Ito et al. [42]. Polyacetylene is used as an example here

to illustrate the conduction principle in conducting polymers. The carbon atoms on

polyacetylene are sp2-hybridized. Each carbon atom has four valence electrons, three

sp2-orbitals form a triangular plane, and the remaining pz-orbital is oriented perpen-

dicular to the plane. The overlap of the sp2-orbitals from two adjacent carbon atoms

forms a σ-bond, and the overlap of the pz-orbitals forms a π-bond. σ-bonds consti-

tute the backbone of the π-conjugated polymer, and due to the large energy gaps

present between the occupied bonding orbitals and the empty anti-bonding orbitals,

the electrons from σ-bonds are usually localized and do not contribute to electrical

conduction. Therefore, σ-bonds are more stable and hold the molecular structure

together. Whereas for π-bonds, there are smaller energy gaps between the bonding

and anti-bonding orbitals. Therefore, π-electrons are more likely to be delocalized

and contribute to the electrical conducting property. Similar to inorganic semicon-

ductors, conducting polymers have very low conductivity when they are not doped. A

conjugated polymer can be either in its oxidized state, known as p-doped, or reduced

state, known as n-doped. Moreover, the channel material needs to have both electri-

cal and ionic conductivity for OECTs to function properly. To be used as the channel

for an OECT, the material should be ion permeable and can be electrochemically

doped/dedoped when interacting with the ions from the electrolyte. The first OECT

was demonstrated by White et al. [43] with polypyrrole (PPy) (Figure 2.3 (a)) as the
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Figure 2.3: Chemical structures of p-type conducting polymers.

channel material. PPy based OECTs are p-type accumulation mode devices. When

a negative gate voltage is applied, anions in the electrolyte penetrate the channel film

and oxidize PPy to its doped state as shown in the following chemical reaction:

PPy + Y − ⇐⇒ PPy+ : Y − + e− (2.4)

where Y − is the anion from the electrolyte [44]. The conductivity of PPy is sensitive

to pH. Nishizawa et al. utilized the pH sensitive property of PPy and developed a

penicillin sensor [45]. The development of PPy based OECT is relatively slow as

compared to the other channel materials mainly due to its poor electrochemical and

chemical stability [46]. PPy loses its conductivity when being over-oxidized either by

the application of a high positive potential (>0.5 V vs saturated calomel electrode

(SCE)) or the exposure to water and oxygen, which leads to the device deterioration

[47].

Polyaniline (PANI) is another p-type conducting polymer that has been inves-

tigated as the channel material for OECT, and its chemical structure is shown in

Figure 2.3 (b). PANI has three redox states: a fully reduced leucoemeraldine state,

a partially oxidized emeraldine state, and a fully oxidized pernigraniline state. Both

the fully reduced leucoemeraldine state and oxidized pernigraniline state are the de-

doped forms of PANI. The conductivity of the neutral emeraldine base is lower than

10-10 S/cm. Upon protonation, the insulating emeraldine base becomes a conducting
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emeraldine salt with a conductivity increase to ∼ 100 S/cm [48]. Similar to PPy,

PANI is also sensitive to the electrolyte pH. One major drawback of PANI is the loss

of conductivity when pH is above 5.5, which limits the biosensing capability of PANI

based OECTs [44, 49]. Several strategies have been employed to overcome this issue.

By incorporating poly(styrenesulfonate) as the counter-ion, Bartlett et al. were able

to extend the working range of PANI film to neutral pH [50]. Raffa et al. demon-

strated that by sultonation, the conductivity of PANI at low pH was unaffected and

at neutral pH was dramatically improved [51].

The most popular channel material for OECTs is poly(3,4-ethylenedioxythiophene)

polystyrene sulfonate (PEDOT:PSS) due to its high conductivity (up to∼1000 S/cm),

high stability, and commercially availability [44, 46, 52]. PEDOT:PSS as shown in

Figure 2.3 (c) is a polymer mixture consisting of the conjugated polymer PEDOT and

the dopant PSS. The sulfonate groups (SO3
-) on the PSS chain act as acceptors for the

holes to form in the PEDOT backbone. When PEDOT:PSS is used as the channel of

OECT, the cations in the electrolyte can enter the polymer film and compensate for

the negative charges on the PSS chain to reduce PEDOT from its highly conducting

oxidized state (PEDOT+) to its less conducting neutral state (PEDOT0). The process

is shown in the following reaction:

PEDOT+ : PSS− +M+ + e− ⇐⇒ PEDOT 0 +M++ : PSS− (2.5)

whereM+ is a cation from the electrolyte and e− is the charge injected from the drain.

This process is well observed in the experiment as a color change from light blue

(oxidized state) to dark blue (neutral state). Moreover, PEDOT:PSS is commercially

available as aqueous dispersions and is compatible with various thin film deposition

methods using solution processing techniques [53].

Compared to the p-type conducting polymers, the development of n-type conduct-

ing polymers is relatively slow, as n-type conducting polymers are usually unstable

and degrade rapidly with the presence of oxygen and water. OECT based on n-type
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Figure 2.4: Chemical structures of n-type conducting polymers.

channel material showing water stability was first demonstrated by Giovannitti et al.

in 2016, and the active material is a donor–acceptor-conjugated copolymer based on

the electron-rich thiophene and the electron-deficient 2,6-dibromonaphthalene-1,4,5,8-

tetracarboxylic diimide-co-monomers p(gNDI-gT2) [54]. The structure of p(gNDI-

gT2) is shown in Figure 2.4 (a). When p(gNDI-gT2) is doped by an electrolyte (100

mM NaCl) under the presence of oxygen, both holes and electrons can be transported

along its backbone. OECT based on p(gNDI-gT2) exhibits ambipolar properties.

When negative drain and gate voltages are applied, the OECT behaves as an accu-

mulation mode p-type device, and holes are the main charge carriers. Whereas when

positive drain and gate voltages are applied, electrons are the main charge carriers,

and the OECT works as an n-type accumulation mode device [44, 54].

Sun et al. have demonstrated the use of poly(benzimidazobenzophenanthroline)

(BBL) as the active material for high-performance n-type OECT [55]. BBL is classi-

fied as a ladder polymer based on its double-stranded and highly conjugated macro-

molecular structure as shown in Figure 2.4 (a) [56]. BBL has high electrical con-

ductivity due to its highly planar backbone structure which promotes intramolecular

charge transportation. Under positive drain and gate voltages, the cations in the

electrolyte penetrate the BBL polymer film, and BBL is reduced to maintain charge

neutrality. As electrons are the main charge carriers, an increase in the drain current
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is expected. Therefore, an increase in the applied gate bias leads to an increase in the

drain current, and the OECT based on BBL is an n-type accumulation mode device.

High electrical conductivity along with high electron affinity of BBL results in high

transconductance (up to 9.7 mS) of BBL based OECTs [55]. High charge capacity

of BBL also contributes to the high transconductance of BBL based OECTs. When

compared to PEDOT:PSS, which has a volumetric capacitance of about 40 F cm-3,

BBL has a high C∗ value of about 900 F cm-3 [57]. When compared to NDI based

n-type conducting polymer, BBL does not require side chain modifications to improve

its solubility, which increases the film crystallinity and the charge carrier mobility by

decreasing the π-π stacking distance. However, the major drawback of using BBL as

the channel for OECT is the poor ionic transport which limits the time constant of

the device and results in a very slow switching speed [44, 55].

Gate Materials

Figure 2.5: Schematic of the potential profile across the gate, electrolyte, channel
direction for an Ag/AgCl and Pt gate electrode.

As a result of gating through an electrolyte, the property and geometry of gate

material also affect the behavior of OECT [52]. Changing the gate material and size

affects the potential distribution across the gate, electrolyte, and channel interface.
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When a polarizable gate electrode, such as gold (Au) and platinum (Pt), is used,

the capacitor (Ceq) in the ionic circuit model is equivalent to two capacitors in series

corresponding to the electrical double layer (EDL) formed at the gate/electrolyte

interface (CGE) and the channel capacitance (CCE). Their relationship is expressed

in Equation 2.6. As the two capacitors are in series, the applied gate potential drops

across the interface with lower capacitance. When a non-polarizable electrode, such

as silver and silver chloride (Ag/AgCl), is used as the gate electrode, the electrons

flow freely across the electrode surface and the electrolyte, and the potential drop at

the gate/electrolyte interface is negligible. Figure 2.5 illustrates the potential profile

across the OECT when using polarizable and non-polarizable gate electrodes.

1

Ceq

=
1

CGE

+
1

CCE

(2.6)

Several studies have demonstrated the effect of gate material on OECT’s responses.

Lin et al. [58] demonstrated that the transistor current modulation could be achieved

either by redox reaction with the electrolyte (Faradaic regime) or by charging of

ionic double layer (non-Faradaic regime). They have also observed that the gate

capacitance affected the effectiveness of gating in the non-Faradaic regime. Tarabella

et al. [59] have observed that the Ag gate electrode showed a larger channel current

modulation as compared to the Pt gate electrode. This observation was attributed to

the redox reactions that occurred between the Ag electrode and the halide electrolyte.

In contrast, when using a Pt gate electrode in the same electrolyte, the process

is non-Faradaic, and the potential acting on the channel is lower than the applied

gate voltage resulting in less effective gating. Cicoira et al. [60] have studied the

influence of relative gate size on the response of OECT working in both non-Faradaic

and Faradaic regimes using planar Pt gates. They have found that with the same

channel area, the device with smaller gate area shows higher sensitivity with lower

background noise for detecting H2O2. Tang et al. [61] have demonstrated that the

activated carbon gate electrode had higher current modulation as compared to the
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PEDOT:PSS gate electrode of similar size, and this was attributed to the large specific

area of activated carbon which leads to high specific double-layer capacitance and

electrostatic charge capacity.

Pt electrode is electrocatalytically involved in different redox reactions. Utiliz-

ing the electro-oxidative properties, various molecules, including hydrogen peroxide

(H2O2) [60], dopamine [62], and delta-9-tetrahydrocannabinol [63] have been detected

using OECTs with unmodified Pt gates. Utilizing the catalytic effect of Pt on the

decomposition of H2O2, enzymatic sensors based on OECTs for detecting glucose [64,

65] and lactate [16] have been developed. Due to excellent biocompatibility, struc-

tural versatility, and broad compatibility with functionalization techniques, Au has

also been used as the gate material for integrating bioreceptors to develop OECT

based biosensors [66–70]. Nanomaterials, such as metal nanoparticles [37, 71], TiO2

nanotube arrays (TNTAs) [72], and carbon nanomaterials and composites [73, 74]

have been incorporated to the gate of OECT for different sensing applications. Nano-

materials help to increase the area of the active site to promote the desired electro-

chemical reactions and thus improving the sensing range and sensitivity of OECT

based biosensors.

2.3 Surface Functionalization

Surface functionalization is a critical step in constructing a biosensor. The incorpo-

ration of biorecognition elements onto the biosensor enables the effective detection

of the analyte of interest. The selectivity of a biosensor relies on the specific affinity

between the biorecognition element and the target analyte. Enzymes, antibodies,

nucleic acid (DNA), aptamers, and molecular imprinted polymers (MIPs) are some

examples of bioreceptors that have been explored for biosensing applications.
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2.3.1 Bioreceptors

Enzymes are proteins with specific 3D structures acting as catalysts. Enzymes are

capable of capturing and converting the target molecules into measurable products

without being consumed [75]. One of the most studied enzymatic biosensors is the

glucose sensor. Glucose oxidase catalyzes the oxidation of glucose molecules and

produces hydrogen peroxide, which is then electrochemically detected. Enzymes are

highly specific and their 3D structures need to be maintained to ensure proper function

and activity. One of the common problems with enzymes as bioreceptor is the loss of

catalytic activity after immobilization, which is mainly due to the binding site being

blocked after attaching to the surface [76].

Antibodies are Y-shaped proteins that are typically around 150 kDa in size [77].

Antibodies share a similar structure that is consisted of fragment crystallizable (Fc)

and fragment antigen-binding (Fab) regions. The Fc region interacts with the recep-

tors on the cell surface, and the Fab region binds to the antigen [78]. The antibodies

with a high affinity to a specific analyte are less likely to cross-react with other

molecules, and this is an ideal property for biosensor integration. Therefore, anti-

bodies have been widely used in the development of biosensors. Biosensors developed

using antibody-antigen interaction are known as immunosensors. The major draw-

back of using antibodies is the high cost of production and purification process, which

could also be complex and time consuming [77].

Genosensors are developed based on DNA complementarity. After identification

of the target DNA sequence, the complementary DNA fragment can be synthesized

and immobilized onto the transducer surface [79]. However, genosensors have limited

application which is mainly focused on nucleic acid detection.

Aptamers are oligonucleotide or peptide molecules that are capable of binding to

a broad range of analytes including metal ions, molecules, proteins, viruses, bacteria,

and whole cells [80]. Aptamers can be synthesized in vitro with selective high affinity
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to the target analyte [77]. Aptamer based biosensors are known as aptasensors and

have gained increasing attention due to their high affinity, selectivity, and relative

low-cost and easy fabrication process [5, 81].

Molecular imprinted polymers (MIPs) are synthesized using a template polymer

matrix mimicking natural bioreceoptors to recognize the target molecules [77]. MIPs

have been integrated with different transducers and demonstrated high sensitivity

and selectivity [82]. As MIPs are synthetic biorecognition elements, they have great

stability, reproducibility, and tunability [77].

In this thesis, we have selected enzymes and antibodies as the bioreceptors for de-

veloping OECT based biosensors due to their well-studied properties and commercial

availability.

2.3.2 Functionalization Techniques

Figure 2.6: Schematic of (a) physisorption and (b) chemisorption.

Two main categories of functionalization techniques are physical adsorption (ph-

ysisorption) and chemical adsorption (chemisorption). Physisorption is the sim-

plest approach for biomolecule immobilization. In this case, the functionalization is

achieved by immersing the surface in the stock solution containing the biomolecules

for a certain period and washing the surface with buffer to remove the loose molecules.

Since physisorption is a spontaneous process, the functionalities of the biomolecules

are well preserved; however, the biomolecules are bound to the surface with only

weak forces, such as electrostatic force due to hydrophobic interaction, Van der

Waals forces, and hydrogen bonding. Physisorption is a reversible process. Change
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in the environment temperature, pH, or ionic strength may lead to the desorption

of the biomolecules, which induces errors and noises during sensing. The immobi-

lized biomolecules are randomly oriented on the surface; hence the active site of the

biomolecule may be blocked as shown in Figure 2.6 (a). Physisorption is non-specific

to the biomolecule of interest; hence, other molecules in the electrolyte or the testing

analyte could be immobilized onto the transducer surface and interfere with the sig-

nal transducing. Therefore, biosensors based on physisorption may suffer from high

operational noise and low storage stability.

Chemisorption is a more prominent approach for surface functionalization. In

contrast to the weak bonding of physisorption, chemisorption is characterized by

the strong covalent bonding. The transducer surface is first activated with linker

molecules containing functional groups such as amine, hydroxyl, thiol, and carboxylic

groups, and then the biomolecules are attached to the linker and immobilized onto

the surface as shown in Figure 2.6 (b). Biosensors modified via chemisorption are

more stable, which is attributed to the strong binding between the biomolecule and

the surface. Also, the immobilization and orientation can be controlled by modifying

the biomolecules with specific functional groups, hence improving the specificity and

homogeneity of the transducer surface, which benefits the development of multiplexed

biosensing platforms. One of the major drawbacks of chemisorption is that the process

may use harsh solvents and chemicals which could damage both the biomolecule and

the device, leading to poor sensing performance.

2.3.3 Functionalization Site

For an OECT, bioreceptors can be immobilized onto either the channel or the gate

region, as both surfaces are in direct contact with the electrolyte and the analyte.

Functionalizing the channel provides a direct response when the analyte interacting

with the channel. Various biorecognition elements have been conjugated to the chan-

nel of OECT for glucose [83], prostate specific antigen (PSA) [71], human influenza
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virus [84], ions [85], and E. coli bacteria [86] detection. The major disadvantages of

modifying the channel are that PEDOT:PSS has low biofunctionality that limits the

molecule attachment, the channel conductivity may be disrupted after biomolecule

immobilization, and the biomolecules may denature due to high-temperature curing

[87].

Since the gate electrode is completely isolated from the channel, functionalizing

the gate electrode does not affect the performance of the channel [8, 87]. Various

functionalization materials and processes can be performed on the gate electrode

without influencing the channel conductivity. There are more choices of gate material,

and thus more functionalization techniques could be utilized [87]. Antibodies [67, 88],

enzymes [73, 89, 90] , peptides [69], cells [91], DNA [68], aptamers [92, 93], and MIPs

[70, 94] have been integrated to the gate of OECT to develop biosensors for various

biosensing applications.

2.4 Fabrication Techniques

Most of the reported OECTs are fabricated by conventional microfabrication tech-

niques. Advantages of microfabrication include the precise control of the feature

size down to the submicron range, the high material quality for reliable contacts,

and the reproducibility of device dimension and performance [95, 96]. Microfabrica-

tion requires expensive equipment and cleanroom facilities. Material deposition and

patterning usually require separate steps. Patterning of the channel material usually

requires special photoresists, as the standard materials and chemicals for photolithog-

raphy damage the PEDOT:PSS films. Therefore, the fabrication cost of disposable

OECT based biosensors when using microfabrication is still very high. Due to the so-

lution processability of conducting polymer and the simple device structure, OECTs

can also be fabricated using low temperature solution processing techniques, such

as spin-coating and various printing techniques. Printing techniques, such as screen

printing [36, 97–99], inkjet printing [100–102], 3D printing [103, 104], and aerosol
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jet printing [63, 105], have been used for fabricating OECTs. These techniques are

compatible with various substrates, and each layer of the material is deposited and

patterned at the same time during the process. Printing techniques offer the ad-

vantages of more flexibility in device design, fewer fabrication steps, less material

wastage, and possibility of large area continuous production using roll-to-roll pro-

cessing. Therefore, utilizing printing techniques, without the need for cleanroom

environment, greatly reduces the fabrication cost for manufacturing the OECT based

biosensors.

2.4.1 nScrypt Printing System

Figure 2.7: nScrypt 3Dn tabletop micro-dispensing and 3D printing system.

Some of the OECT devices described in this thesis were fabricated using nScrypt

3Dn tabletop micro-dispensing and 3D printing system, which is shown in Figure

2.7. This system is equipped with two pumps: SmartPump™ and nFD™ pump.

SmartPump™ shown in Figure 2.8 utilizes flow-based direct-write technique, in which

the fluid is pushed under a mechanical pressure through a ceramic nozzle with a

micrometer-sized opening, and a continuous stream of ink is deposited onto the sub-

strate. The amount of ink deposited is controlled by both the valve opening and
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Figure 2.8: Schematic of flow-based direct writing used in the nScrypt 3D printing
system.

Figure 2.9: Schematic diagram illustrating the effect of standoff distance for nScrypt
3D printing system. (a) Desirable standoff distance. (b) Standoff distance is too high,
and it results in discontinuous printed line. (c) Standoff distance is too small, which
results in wider linewidth and non-uniform line surface.

nitrogen pressure for ink flow. The system is capable of printing inks with large vis-

cosity ranges from 1 to 1,000,000 centipoise (cps). However, Smartpump™ is more

27



suitable for printing high viscosity inks, as inks with very low viscosity are more

likely to overflow and spread. The ink surface tension and the substrate wettability

are important parameters that influence the quality of the printing, and a high con-

tact angle is usually preferred to maintain the printed linewidth. In addition, heating

the substrate also helps to reduce the ink spread by accelerating solvent evaporation

while printing. nScrypt provides ceramic nozzles with inner diameters (I.D.) ranging

from 12.5 to 125 µm. The selection of nozzle size is based on material properties such

as particle size, surface tension, and viscosity. The particle size is preferably more

than 10 times smaller than the nozzle inner diameter to avoid clogging. Another

key parameter for optimal printing results is the small distance between the nozzle

and the substrate, also known as the standoff distance. It is crucial to set a suitable

standoff distance for the desired amount of material to be uniformly deposited onto

the substrate. The printed linewidth should be between the nozzle inner diameter

and outer diameter. If the standoff distance is too large, it results in discontinuous

ink deposition. When the nozzle is in direct contact with the substrate, both the

nozzle and the substrate will be damaged. When the standoff distance is too small,

the material is squeezed out of the outer diameter of the nozzle resulting in non-

uniform lines that have thicker edge and are very thin or discontinuous in the middle.

Occasionally, this can be resolve by reducing ink flow by lowering the nitrogen flow,

adjusting the valve opening, or increase the printing speed. Therefore, for a uniform

and continuous printed film, it requires the correct combination of the valve opening,

the nitrogen pressure, the nozzle size, the standoff distance, the bed temperature,

the speed of printing, and an adequate amount of line overlap. nFD pump is based

on one of the most widely used 3D printing technology - fused deposition modelling

(FDM). A thermoplastic filament is fed through a heated nozzle, and the 3D object

is printed layer-by-layer. The extruder temperature, the filament feeding speed, the

printing speed, the standoff distance, and the layer height are the key parameters to

adjust for achieving optimal printing results.
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2.4.2 Optomec Aerosol Jet 5X System

Figure 2.10: Schematic of the processes involved in aerosol jet printing.

Aerosol jet (AJ) printing is a non-contact direct-write 3D printing technique. Fig-

ure 2.10 shows an overview schematic of the processes involved in AJ printing. Sub-

micron ink droplets are first generated by ultrasonic or pneumatic atomization. The

ink stream is directed into the deposition head by a carrier gas flow. In the deposition

head, the ink stream is then focused by a sheath gas flow to form a coaxial stream

before being emitted through the deposition nozzle. This results in a concentrated

ink stream with a width that is only a fraction of the nozzle orifice and reduces the

chance of nozzle clogging [106, 107]. Inks, pastes, and particulate suspensions, hav-

ing a particle size less than 500 nm and a viscosity range of 1 to 1000 cps, may be

atomized and deposited by the AJ printing method. The majority of the devices

in this thesis were fabricated using Aerosol Jet 5X (AJ5X) system manufactured by

Optomec as shown in Figure 2.11. Optomec AJ5X is based on AJ printing technology

and designed for 3D printed electronics. The system contains two different atomizers,

an ultrasonic atomizer (UA) and a pneumatic atomizer (PA) for printing inks with

various properties. UA requires only a small amount of ink (1 – 2 mL) and is capable

of atomizing inks with a viscosity of lower than 10 cps. The ink is contained in a

glass vial and positioned above a transducer in a water reservoir. The glass vial has
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Figure 2.11: Optomec Aerosol Jet 5X system.

a very thin bottom wall to enable effective ultrasonic power transduction. The ink

mist density is adjusted by both the ultrasonic vibration intensity and the water bath

temperature. Inks with high vapor pressure solvents can be used on UA. Whereas

PA is capable of atomizing inks with a viscosity up to 1000 cps, but a higher ink

volume (10 – 30 mL) is needed for generating the aerosol. The fluid in the atomizer

jar is sheared into small droplets by a high-velocity gas flow. As the gas flow rate

for ink atomization is too high for the deposition head, the ink stream is directed

through a virtual impactor where the ink stream is concentrated by removing excess

atomization gas flow before entering the deposition head [108]. PA also has a heater

band around the atomizer jar for reducing the ink viscosity and a magnetic stirrer

for maintaining the ink homogeneity. Since a high gas flow rate is used for producing

aerosols, solvents with low to medium vapor pressure are preferred on PA. High vapor

pressure solvents lead to excessive drying of the ink, resulting in powdery deposition
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with porous printed films. Therefore, in this thesis, UA was mainly used for printing

low viscosity materials including metal inks for contacts and conducting polymer for

channel, and PA was only used for printing the high viscosity material that is used

as the insulating layer of OECT.

Depending on the ink properties and nozzle size, AJ printing is capable of printing

features with a linewidth less than 10 µm and thickness less than 100 nm. Utiliz-

ing a coaxial sheath gas flow has provided unique advantages to AJ printing. The

collimated aerosol flow has more tolerance in the standoff distance (1 - 5 mm), and

this enables more flexibility in printing on non-planar substrates. In additions, un-

like the techniques used by the nScrypt 3D printer where the printed linewidth is

limited by the nozzle diameter, AJ printing is capable of controlling the printed line

dimensions by changing the sheath and carrier flow rates without the need to switch

nozzle [107, 109]. The quality of printed lines depends on multiple factors, including

nozzle diameter, gas flow rates, printing speed, and printing bed temperature. One

of the main goals of AJ printing parameter optimization is to minimize overspray

and have a more defined edge. Overspray deposits are ink droplets with insufficient

inertia and deviated from the center of the deposition. Overspray results in broadly

distributed patterns near the edge of the printed pattern[106, 108]. Optomec AJ5X

system also has built-in laser (830 nm) and UV-lamp (405 nm) for post-treatment of

printed materials.

2.5 Characterization Techniques

2.5.1 Profilometry

Alpha-step IQ profilometer was used in this work to determine the thickness of printed

films. This instrument is a stylus profilometer in which a probe moves across the

surface of the sample to determine the sample height and roughness.
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2.5.2 Four-Point Probe

Lucus Pro4 4000 sheet and bulk resistivity measurement system with Keithley 2601A

sourcemeter was used in this work to measure the resistivity of the printed thin film

samples. This equipment has four equally spaced probes where the current is sourced

through the outer two probes and the voltage is measured by the inner two probes.

The four-point probe setup is used to eliminate the effect of contact resistance to

achieve more accurate measurements. The sheet resistance is measured by the four-

point probe system, and the bulk resistivity and conductivity could be calculated

based on the sample thickness.

2.5.3 Fluorescence Imaging

ChemiDoc MP Imager was used in this work to verify the surface functionalization.

The samples modified with fluorescent molecules or fluorophores are first illuminated

with light of a specific wavelength. An excitation filter is used to select the excitation

wavelength from the broad spectrum of the light source. The fluorophores absorb

the light of excitation wavelengths and emit light of longer wavelengths. An emission

filter is used to block the exciting light and allow only the emitted light to pass, such

that only the fluorescent objects are visible.

2.5.4 Keithley Sourcemeter

Keithley 4200SCS semiconductor characterization system and a Keithley 2612B dual

channel sourcemeter were used in this thesis to measure the electrical characteristics

of OECT devices. The sourcemeter is capable of precisely supply and measure a

voltage and current simultaneously. The current voltage (IV) characteristics, transfer

characteristics, and transient gate current of printed OECTs were measured using the

Keithley systems.
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2.5.5 Cyclic Voltammetry (CV)

CV is an electrochemical technique that is used to study the oxidation and reduction

processes of molecules. All the CV measurements in this thesis were carried out

using a Gamry Reference 600+ potentiostat and a three-electrode electrochemical cell

configuration. The three-electrode setup consists of a working electrode, a Ag/AgCl

reference electrode, and a Pt counter electrode. The potential is applied between the

working and reference electrodes and changes linearly with time at a constant rate,

and the current between the working and counter electrodes is measured.

2.5.6 Electrochemical Impedance Spectroscopy (EIS)

The same three-electrode setup used in CV measurement was also used for EIS mea-

surements in this work. EIS applies a low amplitude alternating current (AC) poten-

tial at a wide range of frequencies, and the impedance spectrum of the electrochemical

cell is obtained by measuring the magnitude and phase change of the current. The

complex impedance can be presented as Bode and Nyquist plots. For a Bode plot,

the magnitude and phase angle of impedance are plotted against the frequency. The

complex impedance can be divided into real and imaginary components. In a Nyquist

plot, the negative imaginary impedance is plotted against the real impedance. Each

point on the Nyquist plot is corresponding to the impedance measurement at a differ-

ent frequency. Electrode double layer capacitance, electrode kinetics, diffusion layer,

and solution resistance are the common cell elements and characteristics that con-

tribute to the measured impedance spectra. Equivalent circuit model fitting is the

most common method used to analyze the EIS data. Common electrical elements

such as resistors, capacitors, and inductors are used along with some specialized elec-

trochemical elements to model the equivalent circuit.
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2.5.7 Scanning Electron Microscope (SEM)

In SEM, the sample is scanned by a focused beam of electrons in a raster pattern.

These electrons interact with the atoms in the sample, which produce signals that

provide both morphological and compositional information about the sample. The

secondary electron detector collects the secondary electrons emitted by the atoms

that are excited by the electron beam. As secondary electrons have low energy, only

electrons near the surface of the sample could escape and be collected by the detector.

Therefore, secondary electrons provide morphological and topological information of

the sample. Whereas back-scattered electrons have much higher energy than the

secondary electrons, and they are used for demonstrating the contrasts of phases in

multiphase samples. When the electron beam kicks out an inner shell electron from

the sample, this leaves a hole that an electron with higher energy can fill. When the

higher-energy electron fills the shell, it leads to the emission of characteristic X-rays

that can be detected by energy-dispersive spectroscopy. These characteristic X-rays

are unique to each element in the periodic table and can be used to identify the

abundance and distribution of elements in the sample.

2.5.8 Fourier Transform Infrared (FTIR) Spectroscopy

FTIR spectroscopy is based on the principle that different bonds absorb light at

different frequencies. FTIR measures the absorption infrared (IR) spectra which can

be used to identify or quantify the material of the sample. In this work, an attenuated

total reflection (ATR) accessory was used to measure the samples, and a diamond

ATR crystal is used in the setup. The sample is placed on top of the ATR crystal with

good contact. The ATR crystal has a higher refractive index than the sample. When

the IR beam is directed onto the crystal at a certain angle, the IR beam is reflected

internally, which creates an evanescent wave that penetrates a few micrometers into

the sample. When the sample absorbs the IR energy, the evanescent wave will be

attenuated, and this change is recorded by the detector by measuring the IR beam
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exiting the opposite end of the crystal.

2.5.9 X-ray Diffractometer (XRD)

XRD is used to determine the crystal structure of materials. A monochromatic X-ray

is incident onto the sample, and the intensities and scattered angles of the diffracted

X-ray beam are measured. As the samples used in this work were mainly thin films,

small incidence angles were used in the XRD measurement to avoid strong signals

from the substrate. The interplanar lattice spacing (d) can be obtained from the peak

of XRD data using Bragg’s law:

nλ = 2dsinθ (2.7)

where λ is the wavelength of the incident X-ray. θ is the angle of incidence calculated

from the peak position 2θ. n is an integer.

2.5.10 Atomic Force Microscope (AFM)

AFM is a sub-nanometer resolution surface scanning technique that is used to collect

the topography information for the samples in this work. The AFM data is collected

by scanning the surface of the sample using a cantilever with a very sharp tip attached

to the end. The cantilever deflects when the tip contacts the surface, and the image

is generated by measuring the cantilever deflection using various methods. AFM

has different imaging modes that are classified based on the tip motion. Tapping

mode was used to scan the printed thin films in this work to determine the surface

roughness.
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Chapter 3

Material Selection and Printing
Optimization

In this chapter, the choice of materials and the printing processes developed using the

two 3D printing systems, nScrypt and Optomec aerosol jet 5X, are described. The

material selection and printing parameter optimization were based on the results of

various material characterization techniques to achieve optimal properties for OECT

development. This chapter starts with the choice of materials: substrate, metal inks

for contacts, organic semiconductor inks for the channel, and insulators. Then the

main process parameters for each system were described and optimized.

3.1 Material Selection

3.1.1 Substrates

As the goal is to develop fully printed flexible biosensors, the substrate should have

good mechanical flexibility, chemical compatibility with the ink and solvents, and

thermal stability withstanding the ink annealing processes. For OECTs, the substrate

should be electrically insulating and non-electroactive. Substrate wettability is also

important to improve the quality of printed features. A high contact angle is usually

preferred to reduce the material spreading and achieve fine features.

For initial material testing conducted on both 3D printing systems, glass slides were

used as the substrate due to their great chemical compatibility, capability to withstand
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high temperature, and compatibility with various characterization techniques. To de-

velop OECTs, printed polylactic acid (PLA), printed polydimethylsiloxane (PDMS),

commercially available polyethylene terephthalate (PET), and commercially available

polyimide (Kapton) substrates were investigated. On the AJ5X, only commercially

available substrates, PET and Kapton, were chosen as the substrate for building

printed OECTs.

3.1.2 Metal Inks for Contacts

Silver as opposed to gold, which is often used as the contact material in conventional

microfabrication techniques to form high quality contact, was first chosen as the

material for printing the source and drain contacts and the conductive traces. This

is because bulk silver has a low resistivity of 1.59 x 10-6 Ω-cm [110], and it is a more

economical option compared to gold, and there are many commercially available

silver conductive inks. Another advantage is that silver inks usually require lower

curing temperature (<200℃ ) which is more suitable for printing on flexible polymer

substrates.

On the nScrypt printer, the initial trials were performed using water based silver

conductive ink (WB-1075, Conductive Compounds, Inc.) that only needs a post-

processing temperature of 100℃ . However, this ink did not provide the desired

properties for printing. The ink dries while being printed, and this leads to fre-

quent nozzle clogging. Hence, the water-based silver ink was not successfully printed.

Then, DuPont CB028 silver conductive paste was tested on the nScrypt 3D printing

system. DuPont CB028 is a screen-printing ink consisted of micron-sized silver flakes

and polymer additives for enhancing flexibility. Due to the large flake size and high

viscosity (15,000 – 30,000 cps), 125 µm (I.D.) nozzle was used for printing CB028.

The nozzle size and large flake size limited the printed feature sizes and the printed

film thickness.

On the Optomec AJ5X system, water-based Ag nanoparticle (NP) ink (Clariant
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EXPT Prelect TPS 50G2) was initially used for making source and drain contacts

for OECTs. The printing parameters were optimized based on the starter recipe

provided by Optomec. Even though external wire electrodes have worked well as the

gate electrode for OECT, in-plane electrodes are still needed to integrate the OECT

based biosensors with other circuit components for developing biosensing platform.

In this thesis, Pt NP ink (UT DOTS, Inc.) was used to print the in-plane gate

electrode for OECT based glucose sensor. Due to the excellent chemical stability

and biocompatibility of gold, Au NP ink (UT DOTS, Inc.) was used to print source,

drain, and gate for the OECT based biosensors.

3.1.3 Organic Semiconductor Inks for Channel

In this thesis, only one channel material, PEDOT:PSS, was studied. PEDOT:PSS

has demonstrated excellent stability in aqueous environments and is the most used

channel material for OECT. On the nScrypt 3D printing system, ORGACON™ clear

conductive screen-printing ink (EL-P 5015) was tested. This ink has high viscosity of

>100,000 cps, and a proprietary ink recipe to prevent the dissolution of printed films.

For the AJ5X 3D printing system, we have used PEDOT:PSS aqueous dispersion in

water (Clevios PH-1000) due to its high conductivity. Two ink formulations were

used for printing the channel in order to reduce the swelling of the PEDOT:PSS

film. Ethylene glycol (EG) (Sigma Aldrich) was added to improve the conductivity of

PEDOT:PSS. Dodecylbenzene sulfonic acid (DBSA) (Sigma Aldrich) was added to

adjust the surface tension. (3-glycidyloxypropyl) trimethoxysilane (GOPS) (Sigma

Aldrich) was added as the crosslinker to prevent the dissolution of PEDOT:PSS films.

The two different recipes are listed in Table 3.1.

3.1.4 Insulators

The insulator passivates the source and drain contacts and prevents them from con-

tacting the electrolyte. The insulator also helps to prevent oxidation and formation
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Table 3.1: PEDOT:PSS ink recipes.

PH-1000 EG DBSA GOPS

Recipe A 5 mL 1.25 mL 0.0125 mL 0.06 mL

Recipe B 5 mL 0.256 mL 0.0050 mL 0.05 mL

of tarnish for silver electrodes and traces. For nScrypt, PLA was used as the insu-

lator for devices printed on PLA substrate to provide better adhesion. PDMS was

used as the insulator for devices printed on the other type of substrates. For AJ5X,

acrylic-based adhesive (Henkel Loctite AA 3104) and UV-curable PDMS (Shin-Etsu

KER-4690A/B) were used as the insulator.

3.2 Printing Optimization

3.2.1 nScrypt

nScrypt 3Dn tabletop micro-dispensing and 3D printing system have two pumps: a

Smartpump that is based on flow based direct write and an nFD pump that is based

on fused deposition modeling. Some printing parameters affect printing results for

both pumps and there are some unique parameters for each pump. The printing

parameters for nScrypt are listed below:

1. Nozzle diameter – the opening diameter of the ceramic nozzle. It is selected

based on the ink properties such as viscosity and particle size. The printed linewidth

should be larger than the nozzle inner diameter (I.D.) and similar to the nozzle outer

diameter (O.D.) for both pumps.

2. Dispensing gap – the small distance between the substrate and the nozzle. This

parameter affects the continuity and shape of the printed traces for both pumps.

3. Valve opening – the distance of the valve rod moves. It controls the flow of

ink for the Smartpump. A small valve opening limits the ink flow and a large valve

opening allows more ink flow.
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Figure 3.1: Microscope images of DuPont CB028 silver ink printed with the dispensing
gap that is (a) too small, (b) too large, and (c) at optimal height.

4. Valve speed – the speed at which the valve rod moves to the open and close

positions. This parameter affects the quality of the beginning and the end of the

printed line. A slow speed may result in an insufficient material deposition for the

beginning of the line and excess material deposition for the end of the line.

5. Nitrogen pressure – the carrier gas for feeding the material for the Smartpump.

This pressure controls the material feeding speed. Higher nitrogen pressure is nor-

mally required to push more viscose material to the nozzle.

6. Printing speed – the speed at which the printer bed moves. This parameter

controls the amount of material deposited and the printed line shape for both pumps.

7. Bed temperature – the printer bed temperature. Higher temperature helps
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to reduce ink spread for the Smartpump. Heat printer bed also enhances the first

layer adhesion and prevents material warping due to thermal contraction for the nFD

pump.

8. Extruder temperature – nozzle temperature for the nFD pump. It is set to the

printing temperature of the thermoplastics.

9. Filament feeding speed – the speed at which the filament is fed to the nozzle

for the nFD pump. This parameter controls the amount of material extruded. This

speed should be reduced for smaller nozzle diameters to avoid material overflow and

tip damage.

For the Smartpump, dispensing gap, valve opening, and printing speed are the

most important parameters to adjust to ensure that the deposited material forms

uniform and continuous lines. For the nFD pump, dispensing gap, material feeding

speed, and printing speed are the most critical processing parameters that need to be

adjusted to achieve optimal printing results. To print continuous films, the pattern in-

fill should be designed such that there is approximately 10% overlap between adjacent

lines. The effect of dispensing gap is demonstrated in Figure 3.1, these silver traces

were printed with DuPont CB028 ink and using the same printing parameters except

different dispensing gaps. When the tip was too close to the substrate, it scratched

the substrate, and this resulted in ink overflowed as shown in Figure 3.1 (a). When

the dispensing gap was too large, the ink was unevenly distributed, and the printed

pattern was discontinuous as shown in Figure 3.1 (b). Figure 3.1 (c) illustrates the

desired printing results with an optimal dispensing gap along with material feeding

and printing speed. The optimized printing parameters and annealing conditions for

various materials are listed in Table 3.2.

As the materials selected for nScrypt have high viscosities and/or large particle

sizes, the thickness of printed films was in the range of micrometers. These optimized

printing and annealing conditions were used to fabricate OECTs in chapter 4.
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Table 3.2: Optimized printing and annealing parameters for materials printed by
nScrypt 3D printer.

CB028 EL-P5015 PDMS PLA

Pump Smartpump Smartpump Smartpump nFD pump
Tip size (I.D./O.D) [µm] 125/175 50/75 75/125 125/175
Dispensing gap [mm] 0.12 0.09 0.13 0.1
Bed temperature [℃] R.T. R.T. 45 70
Valve opening [mm] 0.08 0.06 0.06 -
Extruder temperature [℃] - - - 230
Feeding speed [mm/s] - - - 1
Printing speed [mm/s] 15 5 5 10
Infill [mm] 0.15 0.1 0.15 0.1
Annealing conditions 1 hr at 160℃ 15 mins at

130℃
3 hrs at 70℃ -

Average Thickness [µm] 9.0 ± 2.4 2.5 ± 0.6 6.9 ± 0.5 -
Average Resistivity 13.0 ± 2.4

µΩ-cm
50.9 ± 16.1
mΩ-cm

- -

3.2.2 Optomec AJ5X

As Optomec AJ5X 3D printing system has two different atomizers, ultrasonic atom-

izer (UA) and pneumatic atomizer (PA), there are unique process parameters for each

atomizer and some common process parameters. The important process parameters

and their effects on printing results are listed below:

1. Sheath gas flow rate – the nitrogen flow rate for shielding the carrier gas flow

coming from either the UA or PA in the deposition head. This parameter controls

the printed linewidth and helps to reduce overspray. The sheath flow rate should be

higher than the carrier flow rate to control the linewidth and prevent material from

contacting the nozzle sidewall.

2. Atomizer flow rate for UA – the carrier flow rate delivering the material to the

deposition head. For UA, the atomizer flow rate does not affect the ink atomization.

A higher atomizer flow rate increases the amount of ink deposited.

3. Atomizer flow rate for PA – the high-velocity nitrogen stream used in PA to at-

omize the ink. This parameter is adjusted to achieve the optimal material atomization

rate.

4. Exhaust flow rate for PA – the flow rate stripping material from the main
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Figure 3.2: Microscope images of Au traces printed by AJ5X. Both lines were printed
with same process parameters except different sheath flow rate. (a) Au line printed
at sheath flow rate of 27 ccm. (b) Au line printed at sheath flow rate of 54 ccm.

atomizer flow out of the virtual impactor. The carrier flow rate for PA is the difference

between the atomizer flow rate and the exhaust flow rate. Increasing the carrier flow

rate, which could be achieved by either increasing the atomizer flow rate or reducing

the exhaust flow rate, leads to more material deposition. If the exhaust flow rate

is larger than the atomizer flow rate, the material is completely vented out of the

system.

5. Ultrasonic power – the ultrasonic energy for atomizing ink in UA. This param-

eter controls the ink atomization. Different materials may require different energy to

generate aerosol.

6. Bath temperature – the temperature setting of the water chiller to regulate the

43



ultrasonic bath temperature. Higher bath temperatures facilitate the ink atomization

in UA.

7. Pneumatic heater/stirrer – the temperature and magnetic stir controls for the

PA ink jar. Higher temperatures help to reduce material viscosity and facilitate ma-

terial atomization. Stirring helps to maintain the homogeneity of unstable materials

and temperature uniformity when heating.

8. Deposition nozzle diameter – the size of nozzle tip opening. The nozzle diameter

could limit the printed feature size.

9. Standoff distance – the distance between the nozzle and the substrate. As AJ

printing is a non-contact printing method, the standoff distance is in the range of 3

to 5 mm and has a relatively larger tolerance than the nScrypt 3D printing system.

10. Process speed – the speed at which the nozzle and printer bed move during

material deposition. Increased printing speed results in narrower linewidth.

11. Bed temperature – the printer platen temperature. Higher temperatures help

to reduce the material spread by evaporating excess solvent while printing.

Optomec AJ5X works well with low viscosity inks and is capable of printing much

smaller features. For aerosol jet printing, the ratio of the sheath flow rate to the carrier

flow rate plays a key role in printing optimization, and this ratio can be used to tune

the linewidth without changing the nozzle. Figure 3.2 shows the microscope images

of printed Au lines with different sheath flow rates. The effect of increasing sheath

flow rate on reducing the overspray and the linewidth was demonstrated. Besides the

mentioned parameters, infill is another important parameter to ensure the continuity

of printed films. Table 3.3 lists all the optimized printing parameters and annealing

conditions for different materials printed using AJ5X.

With the optimized condition, we were able to achieve printed Ag films with a

resistivity that is about 3 times of bulk Ag (1.6 µΩ-cm [110]) and printed Au film

with a resistivity that is about 6 times of bulk Au (2.4 µΩ-cm [110]). Figure 3.3

shows the SEM images of printed Au films with different printing conditions. The
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Figure 3.3: SEM images of Au films printed using UA with atomizer flow rate of
(a),(b) 25 ccm, and (c),(d) 27 ccm.

Figure 3.4: SEM of AJ printed Pt films on Kapton substrate.

film printed with a lower atomizer flow rate looks much rougher due to small voids in

the film. A more continuous film was achieved with an increased atomizer flow rate.

It is worth noting from the table that the printed Pt films had poor conductivity when

compared with bulk Pt (10.6 µΩ-cm [110]). This is due to the low solid content of
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Table 3.3: Optimized printing and annealing parameters for materials printed by
Optomec AJ5X 3D printer.

Clariant
Ag NP

UTDOTS
Pt NP

UTDOTS
Au NP

PEDOT:PSS
Recipe A

PEDOT:PSS
Recipe B

Loctite AA
3104

UV-curable
PDMS

Atomizer UA UA UA UA UA PA PA

Tip size
[µm]

150 150 150 150 150 300 300

Bed tem-
perature
[℃]

R.T. 80 80 R.T. R.T. R.T. R.T.

Bath tem-
perature
[℃]

27 30 25 30 30 N/A N/A

Standoff
distance
[mm]

3 3 3 3 3 4 4

Sheath flow
rate [ccm]

50 30 30 35 35 60 60

Atomizer
flow rate
[ccm]

30 18 27 20 20 1000 1340

Exhaust
flow rate
[ccm]

N/A N/A N/A N/A N/A 960 1320

Process
speed
[mm/s]

8 8 5 10 5 10 3

Layer of
printing

2 1 1 2 2 1 1

Infill [µm] 10 10 10 30 30 100 30

Annealing
conditions

overnight at
130℃

Laser
sintering
(150 mW)

1 hr at 280℃ 20 mins at
130℃

20 mins at
130℃

UV UV then
130℃ for 30

mins

Average
thickness
[µm]

2.44 ± 0.03 0.20 ± 0.01 0.58 ± 0.09 0.38 ± 0.02 0.79 ± 0.02 2.23 ± 0.22 1.12 ± 0.16

Resistivity 4.74 ± 0.51
µΩ-cm

0.14 ± 0.02
Ω-cm

14.23 ± 2.19
µΩ-cm

3.99 ± 0.49
Ω-cm

24.75 ± 1.83
mΩ-cm

- -

the ink that results in small cracks in the annealed film as shown in the SEM images

in Figure 3.4. PEDOT:PSS films based on recipe A demonstrated higher resistivity

when compared to PEDOT:PSS films based on recipe B. Lower EG content of recipe

B also helped to reduce film swelling when measuring with electrolyte resulting in

less variation in consecutive IV measurements for individual OECTs.

46



Chapter 4
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4.2 Abstract

Solution-processable organic semiconducting materials have been utilized for low-cost

disposable flexible electronics applications through additive printing techniques. Or-

ganic electrochemical transistors (OECTs) are powerful devices for biosensing due to

their simplicity, stability in aqueous media and high transconductance. Here, we re-

port fully 3D printed functional OECTs using fused deposition modelling (FDM) and

1This manuscript is published as J. Fan, C. Montemagno, and M. Gupta, “3D printed high
transconductance organic electrochemical transistors on flexible substrates,” Organic Electronics,
vol. 73, pp. 122–129, 2019, doi: 10.1016/j.orgel.2019.06.012.
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direct writing 3D printing techniques using PEDOT:PSS as the channel material with

silver as the source/drain material. These devices demonstrate high transconductance

of 12.1 ± 0.4 mS, low operating voltage and high current ON/OFF ratio. They have

a threshold voltage in the range of 0.66 ± 0.01 V. These printed OECTs demonstrate

good stability and robust behavior after several measurement cycles. We demon-

strate pH and K+ ion sensing using these printed OECTs with high sensitivity of

-26.4 mV/pH and 240 mV/decade (higher than the Nernst limit of 59.2 mV/decade).

These devices can be utilized for biosensing and logic circuitry for different wearable

and standalone sensing applications.

4.3 Introduction

Organic electrochemical transistors (OECTs) have attracted increasing attention due

to their intrinsic advantages, such as biocompatibility, ease of fabrication, high sensi-

tivity, low operating voltage, and stability in aqueous environment. Thereby, OECT

has been studied extensively for its application in chemical and biological sensing

and has demonstrated capability for ion [85, 111, 112], pH[113, 114], protein[115],

label-free DNA[116], glucose[65, 73, 117, 118], lactate[119], and dopamine[62, 120,

121] detection. Unlike organic field effect transistors (OFETs) based sensors, where

the electrolyte is separated from the channel by a thin layer of dielectric to minimize

ion penetration, OECTs are directly gated through an aqueous electrolyte, in which

the ion exchange between the channel and electrolyte modulates the conductivity of

the polymer film and determines the ON/OFF state of the device. Most of these

devices are based on a solution-processable semiconducting polymer channel, which

provides unique opportunities to be integrated as components for logic circuits [55,

122, 123], transducers and/or disposable sensors into flexible, wearable and portable

biomedical devices for biosensing applications [8, 40, 41, 124–126] via low-cost print-

ing techniques including screen printing [36, 97, 127, 128], inkjet printing [102, 129–

131], and 3D printing.
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3D printing, an additive manufacturing technique, is a process in which an ob-

ject is built by stacking thin layers of materials using a digital 3D model of the

object. 3D printing has emerged as an important technology for printed electron-

ics as it inexpensive and is compatible with various flexible substrates[132] with fast

prototyping. Some common technologies utilized for 3D printing are: fused deposit

modelling (FDM), stereolithography (SLA), and flow-based techniques. FDM is a

widely used 3D printing technique, in which a pre-shaped thermal plastic filament

is extruded through a heated nozzle. This is a low-cost 3D printing technique that

provides freedom for more customized substrates and encapsulations. Whereas flow

based direct writing utilizes micro-dispensing technology in which a fluid is delivered

under a positive mechanical pressure through a 100-micrometer sized nozzle, and a

continuous flow of ink is deposited onto the substrate [133]. As many organic semi-

conducting materials are solution processable, flow based direct writing is well suited

for maskless patterning, which makes it easier to customize the design and is eco-

nomical. Compared to traditional microfabrication techniques, 3D printing utilizes

additive techniques such that the devices can be fabricated with a single system,

which reduces the complexity and number of steps required for device fabrication.

3D printing also provides more freedom in device design and customization by sim-

ply modifying the digital 3D model of the object to be printed. Compared to the

other printing techniques, such as screen, inkjet and flexographic, 3D printing is more

compatible with a large variety of substrates, ranging from rigid substrates to flexible

PET films, and can be used for 3D printed customized substrates. Moreover, the

substrate does not need to be flat, some 3D printing systems are able to pattern on a

uneven substrate by mapping out the 3D profile of the substrate with a laser height

sensor or by preloading the 3D model of the substrate.

In this work, we have utilized FDM and direct writing 3D printing techniques to

develop OECTs. We have selected poly (3, 4-ethylenedioythiophene)-poly (styrenesul-

fonate) (PEDOT: PSS) as the active channel material of the OECT, since it exhibits
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great stability [134, 135], high electrical conductivity, and it has been tested with

a range of different cell lines and shows good biocompatibility [136]. The OECTs

based on PEDOT:PSS are p-type depletion mode (normally ON) devices. To ef-

fectively transduce chemical and biological signals, high gain is essential for sensor

designs as it associates with high sensitivity [7]. In comparison to surface electrodes,

OECTs exhibit a larger output signal for the same input due to their high transcon-

ductance [7]. In order to improve biocompatibility and conformality and optimize

printing parameters, we have fabricated OECTs on different substrates, soft polylac-

tic acid (PLA) filaments printed using FDM technique, polydimethylsiloxane (PDMS)

deposited using direct writing technique, and also commercially available thin film

substrate, polyethylene terephthalate (PET). Commercially available silver conduc-

tive paste was patterned on each type of substrate to form source and drain contacts

using direct writing technique. PEDOT:PSS ink was deposited between the source

and drain electrodes to form channel region by direct writing technique. The per-

formance of devices developed on soft PLA and PET substrate were compared, and

devices printed on PDMS substrate were used for conducting preliminary ion concen-

tration and pH sensitivity tests. We have successfully 3D printed functional OECTs

that show high transconductance and sensitivity to ion concentrations.

4.4 Experimental Section

4.4.1 Device Fabrication

nScrypt 3Dn direct print dispensing and 3D printing system was used to fabricate

the 3D printed OECTs. The nScrypt printer has two different pumps, where Smart-

pump™ uses flow based direct writing technique and nFD pump is based on FDM

technique. Smartpump™ was used to dispense liquid inks, such as silver paste for

source and drain contact, channel material, and PDMS insulating cover. nFD pump

was used to print soft PLA substrate and insulating cover. The printer has X/Y/Z
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resolution of 0.5 µm. However, the printed feature size depends on the nozzle size,

viscosity and particle size of the ink, and wettability of the substrate. For example,

the silver conductive paste (DuPont CB028) for printing source and drain contact,

has a viscosity of 18,000 cps and average particle size of approximately 10 µm. Due

to the large size of the ink particles, a 125 µm (I.D.) nozzle was used to dispense the

paste to prevent clogging the nozzle. The silver lines printed on glass has an average

linewidth of 175 µm and thickness of 20 µm. The device patterns were designed using

pCAD and AutoCAD software and converted to g-code by Slic3r software when using

nFD pump. We have fabricated the OECTs on different substrates namely, printed

soft polylactic acid (PLA), printed polydimethylsiloxane (PDMS) (SYLGARD® 184

Silicone Elastomer Kit), and adhesion promoted polyethylene terephthalate (PET)

films (DuPont Teijin Films, 125 µm thick). Soft PLA and PDMS were also used as

insulating layer to prevent source and drain from contacting the electrolyte, which

also defines the active channel region. Soft PLA filament (Orbi-tech) was directly

extruded by nFD pump to form substrate and mask. PDMS mixing with curing

agent (10:1) was printed as substrate and mask using Smartpump™ and baked at

70℃ for 3 h in oven. For the all the devices silver contacts for source and drain

were printed using commercially available silver conductive paste (DuPont CB028)

and annealed at 120℃ for 2 h when deposited on soft PLA substrate and 160℃ for

1 h when printed on PET and PDMS substrates, as soft PLA substrate has lower

melting point and starts to deform when heated above 120℃ . The channel mate-

rial, commercially available poly(3,4-ethylenedioxythiophene)-poly(styrenesulfonate)

(PEDOT: PSS) (Orgacon EL-P 5015) aqueous dispersion, was deposited between

source and drain contacts using Smartpump™. For OECTs 3D printed on soft PLA

substrate, the channel was cured at 120℃ for 30 min, and for devices assembled on

PET and PDMS substrates, the channel was cured at 130℃ for 20 min due to the

same reason mentioned for silver annealing.

51



4.4.2 Material and Electrical Characterization

The thickness of printed channel was determined using a two-dimensional surface

topography profiler Alpha-Step IQ. Four-point probe station (Pro 4000) with Keithley

2601A source meter was used to measure the sheet resistance of the PEDOT:PSS films

of different thicknesses. Glancing angle X-ray diffraction (GXRD) studies were carried

out on Rigaku Ultimate IV system with Cu source operated at 40 kV and 44 mA,

and JADE software was used for XRD spectra analysis. Zeiss EVO M10 scanning

electron microscope (SEM) was used to investigate the surface morphology of printed

PEDOT:PSS sample.

All the electrical characterization of the OECTs was conducted using a Keithley

4200 Semiconductor Characterization System (SCS) parameter analyzer along with

a probe station. Device output curves were generated by measuring current between

source and drain (ID) while sweeping the voltage between source and drain (VD) at

different gate bias (VG). Transfer curve at different drain bias and the corresponding

transconductance were extracted from the measured data. All the device character-

ization was conducted with 100 mM NaCl in deionized water as the electrolyte. A

silver wire was first cleaned with nitric acid for 30 min and then dipped into 12 wt%

bleach solution for 30 min to form Ag/AgCl and used as an external gate electrode.

The electrolyte was added to the channel of each device with a micropipette and left

for several minutes before testing to ensure repeatable measurements.

For ion concentration detection, the electrolytes with different potassium ion (K+)

concentrations (1 mM, 10 mM, 100 mM, and 1000 mM) were prepared by dissolving

appropriate amount of KCl in DI water. For pH sensitivity tests, the testing elec-

trolytes were prepared by first diluting 10x phosphate buffered saline (PBS) solution

(Fisher BioReagents) to 0.1x PBS solution with DI water. The pH of the solution

was tuned by adding 1 M hydrochloric acid (HCl) and measured with a VWR B10P

Benchtop pH meter. The OECT was washed with DI water and dried with com-
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pressed air between each measurement cycle to avoid contaminations.

Figure 4.1: (a) OECT architecture with PET/PDMS substrate. (b) OECT schematic
with 3D printed soft PLA as substrate and insulating layer. The channel width and
length are defined by the opening on the insulating cover. (c) Microscopic image of
OECTs assembled on PET substrate, the source and drain are the printed silver paste,
the bluish color is the PEDOT:PSS channel with length (L) and width (W), and the
printed PDMS cover is transparent and not visible in the image. (d) Microscope
image of OECTs on printed soft PLA substrate. The opening on the soft PLA
insulating layer defines the channel dimension. (e) Photo of OECT array printed on
PET substrate showing flexibility.

4.5 Results and Discussion

4.5.1 Device Structure

Figure 4.1 (a) shows the schematic of a printed OECT. The OECTs developed for

this work were assembled on polyethylene terephthalate (PET) films and 3D printed

soft polylactic acid (PLA) substrates (Figure 4.1 (b)). Silver conductive ink was
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Figure 4.2: (a) Glancing angle X-ray diffraction (XRD) spectra of 3 µm thick 3D
printed PEDOT:PSS film on glass substrate. (b) Scanning electron microscopic
(SEM) image showing morphology of 3D printed PEDOT:PSS film.

dispensed onto the substrate to form source, drain, and gate electrode. PEDOT:

PSS aqueous dispersion was dispensed on top of source and drain electrode to form

active sensing area. For the devices assembled on PET film, even though the entire

printed PEDOT:PSS area was used for sensing, the channel length was defined as the

distance between the source and drain electrode excluding the overlap as shown in

Figure 4.1 (c). Whereas for the device with printed soft PLA substrate (Figure 4.1

(d)), the opening on the soft PLA mask defined the active channel area. The devices

developed on the PET film have an average channel thickness of d = 2.5 ± 0.2 µm

(n = 8), which is much thinner than the channel of the devices printed on soft PLA

substrate d = 7.1 ± 0.3 µm (n = 9). Finally, a layer of PDMS or soft PLA was

printed to prevent the source and drain electrode from being in direct contact with

the electrolyte (100 mM NaCl solution). An Ag/AgCl wire is used as external gate

electrode for all devices.

4.5.2 Material Characterization

The PEDOT: PSS films 3D printed on glass slide and annealed at 130℃ for 20 min

were characterized. Four-point-probe, X-ray diffraction (XRD), and scanning electron
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microscope (SEM) was used to measure the electrical conductivity, crystallinity, and

morphology of the annealed PEDOT: PSS films. The average conductivity for 3D

printed film with an average thickness of 3.5 µm is 15.7 ± 0.3 S/cm (n = 5). The

glancing angle XRD spectra of 3D printed PEDOT: PSS film is shown in Figure 4.2

(a). There was no significant peak being observed, which indicates that the PEDOT:

PSS film is amorphous in nature. Figure 4.2 (b) shows the SEM image PEDOT:PSS

film deposited by 3D printing method. There is no significant gap or crack observed

for the sample, which indicates that 3D printing is a reliable method to achieve

continuous PEDOT:PSS film.

4.5.3 OECT Characterization

The behavior of PEDOT: PSS based OECTs can be described as an electronic circuit,

for hole transport within the conducting polymer, integrated with an ionic circuit, for

ion transport between electrolyte and the porous channel [31]. Figure 4.3 shows the

output characteristics, transfer curves, and transconductance of two devices developed

for this work. Figure 4.3 (a), (c) shows the output characteristics of a typical OECT

printed on PET film with 3D printed channel (W = 912 µm, L = 694 µm, d = 2.6

µm) and a fully 3D printed OECT with printed soft PLA substrate (W = 177.5 µm, L

= 117.5 µm, d = 7.5 µm), and the corresponding transfer curves are shown in Figure

4.3 (b), (d), respectively. For all the IV-characteristic measurements, the drain bias,

VD, was varied from 0 to –0.8 V and the gate bias, VG, was varying from 0 V to 1 V

with a step size of 0.1 V. The output characteristics of all devices developed for this

work have shown p-channel behavior. The magnitude of drain current (ID) decreases

with the increase of gate voltage (VG), which indicates that these devices operates in

depletion regime[31]. Upon an application of positive gate voltage, the cations from

the electrolyte penetrate into the porous PEDOT:PSS channel and compensate the

sulphonate anions on the PSS chain. Therefore, the hole density decreases leading to

the decrease in channel conductivity, which reduces the drain current and turns OFF
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Figure 4.3: (a) Output characteristics of an OECT printed on PET film (W = 912
µm, L = 694 µm, d = 2.6 µm) for VG from 0 V (top curve) to 0.8 V (bottom curve).
(b) Transfer curve for VD = -0.7 V, and the corresponding transconductance with
gm,max = 11.7 mS. (c) Steady-state characterization of a fully printed OECT with
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soft PLA substrate and cover (W = 178 µm, L = 118 µm, d = 7.5 µm) for VG from
0 V (top curve) to 0.8 V (bottom curve). (d) Transfer curve for VD = -0.7 V and
the corresponding transconductance with peak, gm,max = 30.7 mS. (e) Scaling of peak
transconductance (gm,max) with channel geometry (Wd/L) for devices printed on PET
substrate (black squares) and on soft PLA substrate (blue triangles). Red dashed line
shows the peak transconductance is linearly correlated with the channel geometries,
which could be used for device performance optimization with limited surface area.

the device. The magnitude of drain current increases with the increase of magnitude of

drain voltage under linear regime and saturates when the magnitude of drain voltage

is further increased due to channel pinch-off. The threshold voltage, VT , can be then

extracted from the transfer curve using equation 4.1:

ISAT
D =

Wd

L
µC∗(VT − VG)

2 (4.1)

where ISAT
D is the saturation drain current, W is the channel width, L is the channel

length, d is the channel thickness, µ is the hole mobility of PEDOT:PSS, C∗ is the

capacitance per unit volume of the channel, and VG is the applied gate voltage.

Threshold voltage extracted for devices on PET film with printed channel is VT =

0.66 ± 0.01 V (n = 8) and for devices with printed soft PLA substrate is VT = 0.74 ±

0.03 V (n = 4). All the 3D printed OECTs in this work exhibit low voltage operation,

which is a typical for OECTs, and this is attributed to the mixed ionic-electronic

conduction property of the channel material, PEDOT:PSS. In this case, the gate bias

modulates the cation penetration from the electrolyte, which directly controls the

doping of the channel, and therefore, leads to large volumetric capacitance [30, 137].

The current ON/OFF ratio is determined by taking the drain current ratio at VG =

0 V and VG = 1 V from the transfer curve. The extracted ON/OFF ratio is 570 for

the OECTs 3D printed on PET film and 1330 for the OECTs printed on soft PLA

substrate.

Transconductance is another important device parameter which determines how

effectively the transducer can convert the chemical or biological signals. Transcon-

ductance of a transistor is defined as gm = ∆ID/∆VG and can be expressed in the
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following form for an OECT operating in saturation regime [33]:

gm =
Wd

L
µC∗(VT − VG) (4.2)

As shown in Figure 4.3 (b), the transconductance of the OECT 3D printed on PET

film has a peak value of gm = 11.7 mS at VG = 0 V. Devices of similar channel

dimensions have transconductance peak value of gm = 12.1 ± 0.4 mS (d = 2.5 ±

0.2 µm) at VG = 0 ∼ 0.1 V and µC∗ = 59.2 ± 5.6 FV −1s−1cm−1 calculated from

equation 4.2. A much higher transconductance peak gm = 30.7 mS was observed at

VG = 0 V as shown in Figure 4.3 (d) for an OECT 3D printed on soft PLA substrate,

and devices of similar channel dimensions have average peak transconductance of gm

= 31.8 ± 6.7 mS (d = 7.1 ± 0.3 µm) and µC∗ = 39.8 ± 3.4 FV −1s−1cm−1 calculated

from equation 4.2. As OECT’s transconductance depends on not only the lateral

dimensions of the channel, but also the thickness [33, 138]. Figure 4.3 (e) shows

the correlation between the scaling of peak transconductance extracted at VD = -

0.7 V and the OECT channel dimensions for 3D printed OECTs assembled on both

PET and printed soft PLA substrate. The transconductance is directly proportional

to the channel geometry based on equation 4.2, which can also be observed in our

results. With limited surface area, the sensitivity of OECT based biosensor can be

enhanced by increasing the channel W/L ratio and channel thickness. Even though

devices with thicker channel show higher transconductance, which indicates higher

sensitivity for sensing applications, they also have slower response, as more cations

are required in order to fully de-dope the thicker channel and turn the device OFF.

Thicker channel devices (higher stored charge) are more sensitive to weak signals,

whereas thinner channel devices (lower stored charge) have faster response. Therefore,

based on experimental needs, one can easily design an OECT array with neighboring

devices having different channel thickness using 3D printing technique, which require

more complicated steps when fabricated with traditional microfabrication techniques.

Table 4.1 contains device parameters, including lateral channel dimension, channel
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Table 4.1: Comparison of OECTs fabricated with different techniques. Device pa-
rameters including lateral channel dimension, channel thickness (d), peak saturation
transconductance (gm,max), current ON/OFF ratio (ID,ON/ID,OFF), and threshold volt-
age (VT) are listed in the table.

Fabrication Contact Channel material & d gm,max ID,ON/ VT Ref.

technique material lateral dimension [µm] [mS] ID,OFF [V]

3D printed OECT Ag PEDOT:PSS 7.1 ± 0.3 38.9 ± 2.4 1.33 × 103 0.74 ± 0.03 This

on printed soft PLA W/L = 1.6 ± 0.1 work

3D printed OECT Ag PEDOT:PSS 2.5 ± 0.2 12.1 ± 0.4 5.70 × 102 0.66 ± 0.01 This

on PET film W/L = 1.3 ± 0.1 work

Microfabricated Au PEDOT:PSS 0.4 4.02 N/A N/A [7]

OECT W/L = 1

Au PEDOT:PSS 0.4 2.7 N/A N/A

W/L = 2

Au PEDOT:PSS 0.14 ∼2 ∼ 105 N/A [138]

W/L = 2

Au PEDOT:PSS 0.17 3.2 5.41 × 102 0.52 [139]

W/L = 0.25

Screen printed PEDOT PEDOT:PSS N/A N/A ∼ 2 N/A [98]

OECT :PSS W/L = 0.0625

PEDOT PEDOT:PSS N/A N/A ∼ 1.25 N/A

:PSS W/L = 0.125

Inkjet printed Ag PEDOT:PSS 0.18 N/A 1 × 102 N/A [140]

OECT W = 100 µm

PEDOT PEDOT:PSS 2 0.12 N/A N/A [100]

:PSS W = 850 µm

PEDOT PEDOT:PSS N/A N/A 5.00 × 102 N/A [102]

:PSS Active channel

area = 1.3 mm2

PEDOT PEDOT:PSS N/A 1.67 2.00 × 102 >1.5 [101]

:PSS W/L = 2/3

thickness, source/drain electrode material, peak transconductance, ON/OFF ratio

and threshold voltage, of the two kinds of OECTs developed for this work and litera-

ture results of OECTs fabricated with other techniques. The OECTs from this work

demonstrate considerably higher transconductance and comparable ON/OFF ratio

as compared to other studies. However, the ON/OFF ratio of 3D printed OECTs is

significantly lower compared to the microfabricated devices. This can be attributed

to the thicker channels in our printed devices which makes it quite difficult to de-

dope them completely and also due to the 3D printed Ag electrode. Ag electrode

can have a thin oxidized layer on the top which can lead to poor interface with the

PEDOT:PSS channel. This will lead to higher contact resistance at the channel and

electrodes and this problem is not observed with Au electrodes. In other reported

work, with microfabricated devices with Au electrodes higher ON/OFF ratio of 105

has been measured [138].
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4.5.4 Ion Concentration and pH Sensitivity Tests

Figure 4.4: Preliminary ion concentration and pH sensing results based on OECTs 3D
printed on PDMS substrate. (a) Transfer curves of OECT tested at drain bias of VD

= -0.1 V with KCl solution of different concentrations (1 mM, 10 mM, 100 mM, and
1 M). (b) Shift in VG (|∆VG|) as a function of KCl solution concentration extracted
from shifting the transfer curves in figure 4.4 (a). A logarithmic correlation between
|∆VG| and K+ concentration can be observed from the curve with a sensitivity of 240
mV/dec which is higher than the Nernst limit of 59.2 mV/dec. (c) Transfer curves of
OECT tested at drain bias of VD = -0.1 V with PBS of different pH values (2.28, 5.32,
7.55). (d) Shift of VG as a function of the pH value of the PBS solution extracted
from shifting the transfer curves in Figure 4.4 (c) and it shows a linear correlation
between (|∆VG|) and pH value with a slope of -26.4 mV/pH.

We have conducted both ion and pH testing on these 3D printed OECT devices.

Preliminary ion concentration sensing tests were conducted with OECTs assembled

on PDMS substrate as described in method section. Figure 4.4 (a) shows the transfer

characteristics (biased at VD = -0.1 V) of a printed OECT measured in KCl solution
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with different concentrations (1 mM, 10 mM, 100 mM, and 1 M). It can be clearly

observed that as the cation concentration (K+) increases, the drain current decreases

for the same gate bias. This change of OECT behavior with different cation concen-

tration is due to the shift in the threshold voltage, and the transfer curves can be

merged into a single curve by horizontally offset all transfer curves to the right. As

shown in Figure 4.4 (b), the shift of gate voltage, ∆V, shows logarithmic dependence

on the K+ concentration with slope of 240 mV/dec. The 3D printed OECTs exhibited

K+ ion sensitivity higher than the Nernst limit of 59.2 mV/dec, which is attributed to

their high transconductance due to the thicker channels. From the trend of the curve,

we can predict that the slope will further decrease as the concentration increases and

eventually becomes zero for higher concentrations. More detailed experiments will be

conducted in the future to obtain the limit of detection (LOD) for these 3D printed

devices, which could be much lower than 1 mM. The pH sensitivity tests were car-

ried out with 0.1x PBS with different pH values (7.55, 5.32, and 2.28). Similarly, the

transfer curves of printed OECTs measured in PBS solutions with different pH values

are shown in Figure 4.4 (c). In this case, as the pH decreases, the hydrogen ion (H+)

concentration in the solution increases, more cations are available in the solution to

de-dope the PEDOT:PSS channel, and therefore the threshold voltage shifts to lower

values. Figure 4.4 (d) shows the relative shift in gate voltage as a function of different

pH values (∆V/pH), and a linear relationship with a slope of -26.4 mV/pH is ob-

served. Table 2 shows the comparison of K+ ion and pH sensitivity along with peak

transconductance of the devices developed for this work and other literature results.

The 3D printed OECTs exhibit similar or higher K+ sensitivity to the microfabri-

cated OECTs from other studies. Scheiblin et al. have obtained pH sensitivities of

-73 mV/pH and -44 mV/pH for OECT-only pH sensors with modified gate materials:

IrOx and polyaniline (PANI) respectively [113]. In this case, the pH sensitivities of

the OECTs were enhanced due to the pH sensitive gate materials, whereas in this

work, we have demonstrated the intrinsic pH sensitivity of OECTs. PEDOT:PSS
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based OECTs have been demonstrated with intrinsic ion sensitivity and pH sensitiv-

ity [111, 112, 114]. However, to achieve selective sensing and improve the ion and

pH sensitivity, functionalization of PEDOT:PSS surface and/or applying active gate

materials is required, and this will be studied in the future.

Table 4.2: Comparison of peak transconductance (gm,max) and sensitivity to change
in ion concentration (∆V/∆C) or pH (∆V/pH) of OECT fabricated with different
techniques

Fabrication Gate gm,max ∆V/∆CK+ ∆V/pH Reference
technique material [mS] [mV/dec] [mV/pH]

3D printed Ag/AgCl 12.1± 0.4 440 -26.4 This
OECT-only work
3D printed Ag/AgCl 16.63 366.67 N/A [123]
OECT-inverter
Microfabricated Ag/AgCl N/A 59.4 N/A [111]
OECT Ag/AgCl ∼ 3 414 N/A [112]
Screen printed IrOx ∼ 0.12 N/A -73 [113]
OECT-only Polyaniline ∼ 0.21 N/A -44

4.6 Conclusion

We have demonstrated fully printed functional OECTs utilizing a single 3D printing

system. Two different substrates one printed soft PLA and another a commercial

substrate, PET film, were utilized for the work to demonstrate that both can be im-

plemented for flexible devices. The printed OECTs demonstrate comparable results

to the devices fabricated using microfabrication techniques with a high transconduc-

tance of 12.1 ± 0.4 mS and high current ON/OFF ratio in the range of 102. Due to

the high transconductance they demonstrate high sensitivities to K+ ion (as high as

240 mV/dec – higher than the Nernst limit) and pH detection (-26.4 mV/pH). Thus,

we have demonstrated high performance, reliable and repeatable flexible OECT de-

vices can be fabricated by simple and economical 3D printing techniques which paves

the way for affordable and customized biosensing and bio wearables application.
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Chapter 5

Aerosol Jet Printed OECT Device
Optimization

5.1 Introduction

Printed and flexible electronics is an emerging area that has been widely investi-

gated for biosensing applications in the past few decades. Efforts have been made

to develop fully printed flexible biosensors and electronic circuits which consist of

multifunctional materials and devices. Owing to the mechanical flexibility, the low

temperature solution processability, and the versatility of organic semiconductors

(OSCs), both OFETs and OECTs are promising candidates to be implemented as

various components for printed electronics. As mentioned in the background chapter,

both OFETs and OECTs are three-terminal devices with source, drain, and gate con-

tact. OFETs adopt a similar structure to the conventional FETs, where a dielectric

layer is sandwiched between the organic semiconductor channel and the gate. The

gating of OFETs is through a purely capacitive effect across the dielectric layer, which

modulates the charge carrier concentration near the dielectric/OSC interface in the

channel. For OECTs, the dielectric layer is replaced by an aqueous electrolyte that

is in direct contact with an ion-permeable OSC channel. In this case, the channel

current modulation is achieved by electrochemical doping/dedoping of the channel

facilitated by ion injection.

Due to the lack of a dielectric layer in the structure of OECT, the transport of
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charge carriers is not dominated by the interface quality between the organic semi-

conductor and the dielectric layer. Moreover, the interaction between the channel

and ions in the electrolyte happens throughout the entire channel, and this leads to

high capacitance. Therefore, OECTs have low operation voltage, usually less than 1

V, and is more suitable for working in aqueous media to avoid undesired electrochem-

ical oxidation and reduction reactions. The large volumetric capacitance also leads

to high transconductance (gm). Transconductance represents the change of drain

current in response to the change of the gate voltage, and it is the device parame-

ter that governs the signal amplification and affects the sensitivity of the biosensor.

Hence, understanding the correlation between device properties and device geometry

is important for designing the biosensor for desired applications.

In this chapter, OECTs were fabricated using an AJ5X 3D printing system with the

optimal material printing parameters and annealing conditions described in chapter

3. As mentioned in chapter 2, channel dimensions and gate materials affect the

electrical characteristics of OECTs. This chapter focuses on the study of the influence

of geometry variations on the device properties illustrated using two types of OECTs

developed in this thesis, OECTs with Ag contacts (Ag-OECTs) and OECTs with Au

contact (Au-OECTs). This study is important to biosensor development for tuning

device properties to achieve optimal sensing performance.

5.2 Experimental Details

5.2.1 Ag-OECT Fabrication

Ag-OECTs are printed using the Optomec AJ5X 3D printing system on flexible PET

substrates. Commercially available silver Ag NP ink (Clariant EXPT Prelect TPS

50G2) was first diluted with DI water with a volume ratio of 1:1. The diluted Ag NP

ink was then used for printing the source and drain contacts of OECT using UA. The

printed Ag traces were annealed in an oven overnight at 130℃. The PEDOT:PSS ink
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was prepared by mixing PEDOT:PSS (Clevios PH-1000) solution with 20% ethy-

lene glycol (EG) (Sigma Aldrich), 0.1% of dodecylbenzene sulfonic acid (DBSA)

(Sigma Aldrich), and 0.9% of (3-glycidyloxypropyl) trimethoxysilane (GOPS) (Sigma

Aldrich). The PEDOT:PSS ink was then deposited by UA to form the channel region

on the printed Ag source and drain and annealed for 20 minutes at 130℃. A UV-

curable acrylic adhesive (Henkel Loctite AA 3104) layer was printed to passivate the

source and drain electrodes to prevent shorting from the electrolyte. The passivation

layer was dispensed on the electrodes by PA and cured on-the-fly with the built-in

UV lamp (405 nm, 5 mW).

5.2.2 Au-OECT Fabrication

Au-OECTs were fabricated using the Optomec Aerosol Jet 5X 3D printer on flexible

polyimide (Kapton) substrates. Gold nanoparticle (Au NP) ink (UT Dots, Inc.) was

deposited using UA to form source, drain, and gate electrodes and all the metal in-

terconnects. The printed Au traces were annealed at 280℃ for 1 hour. The channel

of OECT was printed using poly(3,4-ethylenedioxythiophene) polystyrene sulfonate

(PEDOT:PSS) mixture composed of 94% Heraeus Clevios™ PH 1000, 5% ethylene

glycol (EG), 0.1% dodecylbenzenesulfonic acid solution (DBSA) (70 wt.% in iso-

propanol), and 1wt.% (3-glycidyloxypropyl) trimethoxysilane (GOPS) (≥ 98%) and

annealed at 130℃ for 20 minutes. Finally, a layer of UV-curable polydimethylsilox-

ane (PDMS) (Shin-Etsu Chemical Co., Ltd.) was deposited by PA to protect the

metal traces from shorting with the liquid electrolyte. The PDMS insulating layer

was cured with UV on-the-fly while printing and then baked at 130℃ for 30 minutes

to fully anneal the layer.

5.2.3 Electrical Characterization

For Ag-OECTs, electrical measurements were performed at room temperature using

a Keithley 2612B sourcemeter controlled by LabVIEW, and a sweep rate of approxi-
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mately 500 mV/s was used for all the measurements. The characterization was carried

out using an external Ag/AgCl wire as the gate electrode and 100 mM NaCl as the

electrolyte. The output characteristics were measured by sweeping the drain bias

(VD) from 0.2 V to -0.6 V with a step size of -0.02 V for each gate bias (VG) ranging

from 0 to 1 V with a step size of 0.1 V. The IV sweep started from 0.2 V to confirm

that the device is off at VD = 0 for all VG biases. The transfer characteristics and

transconductance were extracted from the measured output characteristics at a fixed

drain bias (VD = -0.6 V). A sweep rate of approximately 500 mV/s was used for all

the measurements.

For Au-OECTs, the electrical characteristics were measured using a Keithley 4200

SCS semiconductor parameter analyzer. An in-plane printed Au gate electrode and

1xPBS solution as the electrolyte were used for all the measurements. The output

characteristics were measured by sweeping VD from 0.2 V to -0.6 V for each constant

VG stepped from -0.4 to 1.6 V with a step size of 0.1 V. The transfer curves were

measured by sweeping the VG from -0.4 V to 1.6 V for each constant VD from -0.1 V

to -0.6 V. The pulse measurements were carried out by applying pulsed gate voltage

of different amplitudes to a device under constant VD and the gate transient current

was measured.

5.3 Results and Discussions

5.3.1 Ag-OECT Optimization

Figure 5.1 shows both the top view and the side view schematics for the Ag-OECTs

developed for this work. An external Ag/AgCl electrode was used as the gate electrode

for device characterizations. Three device geometry parameters as indicated in the

schematic were varied for this study, and they are the channel length (L), the channel

width-to-length ratio (W/L), and the channel thickness (d). OECTs with two channel

lengths, L = 100 and 250 µm, were designed; however, the average resulting channel
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Figure 5.1: (a)Top-view and (b) side-view schematics of the Ag-OECT illustrating
the channel geometries.

lengths are 90.3 ± 1.7 and 240.1 ± 2.8 µm due to printing variations. For each

channel length, the channel width was varied to obtain different values of W/L. For

Ag-OECTs with a channel length of 90 µm, the average W/L values are 1, 2, and 4.

For devices with a channel length of 240 µm, the resulting average W/L values are

1, 2, and 5. For each combination of channel length and W/L, the channel thickness

was varied by increasing the number of printed PEDOT:PSS layers. The average

thickness is approximately 200 nm and 400 nm for one layer and two layers of printed

PEDOT:PSS, respectively.

Figure 5.2 shows typical current-voltage (I-V) characteristics and transfer char-

acteristics (VD = -0.6 V) of fully printed Ag-OECTs with the same W/L of 1 and

different channel lengths and thicknesses. In all these cases, the magnitude of ID

decreases as VG increases indicating typical p-type depletion mode behaviors as ex-

pected. According to Bernards model, the steady-state characteristics of an OECT

can be described using the following equation [31]:

ID =

⎧⎨⎩ µC∗W
L
d[VT − VG + VD

2
]VD, for VD > VG − VT

µC∗ W
2L
d[VT − VG]

2, for VD < VG − VT

⎫⎬⎭ (5.1)

where µ is the hole mobility of PEDOT:PSS; C∗ is the volumetric capacitance; VT

is the threshold voltage. For OECTs, the magnitude of ID scales with W/L like

conventional MOSFETs. In addition, ID also scales with the channel thickness, which

is also observed in our results. Since the devices characterized in Figure 5.2 (a) and
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Figure 5.2: Electrical characteristics of Ag-OECTs with W/L = 1 and different chan-
nel length and thickness. (a) I-V and (b) transfer characteristics of an Ag-OECT with
L = 90 µm and d = 200 nm. (c) I-V and (d) transfer characteristics of an Ag-OECT
with L = 240 µm and d = 200 nm. (e) I-V and (f) transfer characteristics of an
Ag-OECT with L = 240 µm and d = 400 nm.

Figure 5.2 (c) have the same channel thickness and W/L, it can be observed that both

devices show similar ID levels despite having different channel lengths. Figure 5.2 (c)
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and (e) shows the output characteristics of two OECTs with the same channel lateral

dimensions and different thicknesses, and the OECT with a thicker channel has a

high ID. The on-off current ratio (ID,ON/ID,OFF) can be extracted from the transfer

curve by taking the drain current ratio at VG = 0 V and VG = 0.8 V. As observed in

Figure 5.2 (b),(d),(f), the off-state drain current for the printed OECTs falls in the

same range (< 1µA).

Figure 5.3: gm curves extracted from the transfer curves at VD = -0.6 V showing the
effect of W/L for Ag-OECTs with channel dimensions of (a) L = 90 µm and d = 200
nm, (b) L = 240 µm and d = 200 nm, (c) L = 90 µm and d = 400 nm, (d) L = 240
µm and d = 400 nm.

Figure 5.2(b),(d),(f) also shows the transconductance curves extracted from the

plotted transfer curves. Transconductance (gm) can be obtained by taking the deriva-
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tive of Equation 5.1 and expressed as follows:

gm =

⎧⎨⎩ −µC∗W
L
d VD, for VD > VG − VT

µC∗W
L
d [VT − VG], for VD < VG − VT

⎫⎬⎭ (5.2)

where the symbols have their usual meanings. Several studies have demonstrated

the transconductance of OECT scales with both W/L and the channel thickness

[33, 140–142]. This is a unique property that differentiates OECT from other types

of FETs [32]. Figure 5.3 shows the transconductance curves extracted for devices

with different W/L. On comparing the gm curves for devices with different channel

geometries, it is observed that gm is proportional to both W/L and d of the OECT.

In all these cases, the peak transconductance (gm,max) occurs at a gate voltage of 0

or 0.1 V indicating low operation voltages, which is a desired property for biosensing

applications. In Figure 5.4 (a), the peak transconductance values extracted for VD =

-0.6 V are plotted against the channel geometry (Wd/L) showing a linear correlation

with a correlation factor R = 0.99.

Figure 5.4: (a) Scaling of peak transconductance and (b) scaling of drain current
on-off ratio with channel geometry.

Table 5.1 lists the key device parameters extracted for Ag-OECTs with different

channel dimensions. The extract device parameters include gm,max, VT, ID,ON/ID,OFF,

and µC∗. The VT values were extracted graphically by taking the x-intercept of
√
ID

vs VG in saturation from Equation 5.1.
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Table 5.1: Device dimensions and parameters of Ag-OECTs.

L W/L d gm,max VG(gm,max) VT ID,ON/ µC*

[µm] [nm] [µS] [mV] [mV] ID,OFF [F cm-1 V -1

s-1]

90 1 200 78.63 0 396 68.1 9.93

90 1 400 168.1 0 435 244.6 9.66

90 2 200 154.32 0 409 265.0 9.43

90 2 400 348.65 0 448 546.5 9.73

90 4 200 500.35 0 474 599.8 13.19

90 4 400 807.26 100 526 901.9 11.84

240 1 200 75.4 0 414 101.8 9.11

240 1 400 160 0 460 213.3 8.70

240 2 200 212.64 0 461 409.5 11.53

240 2 400 458.04 0 534 650.8 10.72

240 5 200 523.09 100 540 676.2 11.89

240 5 400 1188.85 0 563 1593.1 10.56

From Table 5.1, higher threshold voltages are observed for the OECTs with the

thicker channel, as a large gate voltage is required to drive more cations to fully de-

dope the entire channel and turn the device off. Similarly, for the OECTs with the

same channel length and thickness but larger channel width, more ions are needed to

fully turn the device off, and hence a larger VT was observed from this study. Since

all the listed in the table Ag-OECTs had similar off currents levels, ID,ON/ID,OFF is

mainly determined by the on-state drain current, which is also scaled with the channel

geometry as described in Equation 5.1. Therefore, ID,ON/ID,OFF for these printed Ag-

OECTs is linearly correlated with Wd/L with a correlation coefficient of R = 0.97 as

shown in Figure 5.4 (b).

Charge carrier mobility and capacitance per unit area are important material prop-
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erty parameters that influence the on-state drain current and the transconductance

of FETs. As the operation of OECT relies on both efficient lateral electronic trans-

port in the channel film and vertical ionic transport for ions moving in and out of

the channel, Inal et al. have purposed that the product of charge carrier mobility

and capacitance per unit volume (µC∗) can be used as a standard parameter for the

direct comparison of active channel materials used for OECTs [30]. As the same

PEDOT:PSS ink formulation was used for printing the Ag-OECTs, the µC∗ did not

show any correlation with the channel geometry variation. The average µC∗ for PE-

DOT:PSS based OECTs is 10.52 ± 1.35 (n = 12) F V-1 s-1 cm-1. The extracted

µC∗ value is lower than the average values observed in other studies, which are likely

due to different fabrication methods and possible defects in the printed PEDOT:PSS

films.

Based on these results, it was observed that devices with higher W/L and d demon-

strated higher ID,ON and gm, and hence are preferred for high sensitivity sensor devel-

opment. Ag-OECTs with small W/L and lower channel thickness have lower ID,ON

and gm, and hence, external signal amplification may be required when using them

as biological and chemical sensors. However, these devices also have lower VT, which

may be beneficial for applications that require low operation voltage and power con-

sumption. In addition, one drawback of OECT is its slow response speed, as the

operation relies on ions moving in and out throughout the entire channel thickness.

OECTs with thinner channel have faster speed as compared to devices with thicker

channel, and hence are more suitable for applications that require rapid changes [7].

One of the intriguing features of OECT is the dependence of device properties on

channel thickness. This enables alternation of device sensitivity without the need

of changing device lateral dimension. From these results, Ag-OECTs based on two

layers of printed PEDOT:PSS with a channel dimension of L = 100 µm and W/L

= 4 were small and demonstrated decent transconductance and low operation volt-

ages. Therefore, they were selected for developing the delta-9-tetrahydrocannabinol

72



(∆9-THC) and glucose sensors.

5.3.2 Au-OECT Optimization

Figure 5.5: (a) Microscope image of an Au-OECT with W/L = 10 and gate size = 4
mm2. (b) Zoom-in microscope image of the same device showing the measured channel
dimensions. (c) I-V characteristics of an Au-OECT with W/L = 10 and gate size =
4 mm2 measured with 1xPBS as the electrolyte. (d) Transfer and transconductance
curves of the same device measured at VD = -0.6 V.

Even though the printed Ag-OECTs demonstrated decent device performance,

there are still some drawbacks to use silver as the contact material. Silver is more

reactive than gold. During the device fabrication, silver oxide and silver sulfide may

form in the air on the printed electrodes and lead to poor contact with PEDOT:PSS

film. The formation of silver tarnish on the printed silver traces deteriorates the

device performance. Gold has higher conductivity and better work function alignment

with PEDOT:PSS facilitating charge injection; therefore, devices with gold contacts

demonstrate improved performance [104]. In addition, gold is well-known for its
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excellent biocompatibility. Hence, in this thesis, OECTs with printed Au electrodes

were developed and the effect of channel and gate geometrical variations on device

performance was studied.

Figure 5.6: Scaling of gm with W/L extracted from transfer curves measured at VD

= -0.6 V for Au-OECTs with gate size of (a) 1 mm2, (b) 4 mm2, and (c) 9 mm2. (d)
Average peak transconductance plotted against W/L for Au-OECTs with different
gate sizes. Error bar represents the standard deviation calculated from 5 devices,
except only one measurement was collected for OECT with W/L = 10 and gate size
of 1 mm2.

Au-OECTs had a similar device structure as the Ag-OECTs, except that an in-

plane printed Au gate was implemented in the device design. Having in-plane gates

simplifies the steps required for integrating the OECT with other circuit components

for developing biosensing platforms. Figure 5.5 (a) is the microscope image of an

Au-OECT showing the device layout. All the Au-OECTs had a constant channel

length (L = 100 µm). Two-layer printed channel with an average thickness of 791.3
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± 16.9 nm was used for all Au-OECTs. The channel width was varied to achieve

different width-to-length ratios (W/L = 2, 5, and 10). As discussed in chapter 2, Au

is a polarizable electrode, and the potential drop at the gate/electrolyte is affected by

the gate geometry [52]. To study the influence of gate size on the device performance,

the printed gate electrode was designed as a simple square shape and its side length

was varied to obtain three gate sizes of 1, 4, and 9 mm2. The microscope image of

the Au-OECT shown in Figure 5.5 (a) had a gate size of 4 mm2 and W/L of 10, and

a zoom-in view of the same device is shown in Figure 5.5 (b) illustrating the defined

channel parameters.

I-V characteristics of a typical printed Au-OECT (W/L = 10, gate size = 4 mm2)

is shown in Figure 5.5 (c), and a p-type depletion mode behavior was observed. As

expected, a higher gate voltage was required to fully turn off the device when using

Au as the gate material. As observed from the transfer and transconductance curves

in Figure 5.5 (d), the corresponding gate voltages for peak transconductance (VG

(gm,max)) were higher for Au-OECTs as compared to the VG (gm,max) values for Ag-

OECTs. Since all the Au-OECTs had similar channel thickness, the peak gm values

were plotted only against W/L for OECTs with different gate sizes. As described

by Equation 5.2, a linear correlation between the W/L and peak gm can be observed

from Figure 5.6.

As shown in Figure 5.5 (c), Au-OECTs did not saturate. Hence, the device pa-

rameter extractions were based on the linear region equations. In addition, linear

extrapolation method was used to extract VT [143–145]. The first step is to find the

maximum slope (gm,max) of the transfer curve. Then, extrapolating the portion of the

transfer curve with maximum slope to find the x-intercept, and VT is calculated by:

VT = Vx −
VD

2
(5.3)

where Vx is the x-intercept linearly extrapolated from the transfer curve at its max-

imum slope. The extracted device parameters for Au-OECTs with different device
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geometries are listed in Table 5.2.

Table 5.2: Device dimensions and parameters of Au-OECTs.

Gate size W/L gm,max VG(gm,max) ID,ON/ VT µC*

[mm2] [mS] [V] ID,OFF [V] [F cm-1 V -1 s-1]

1 2 1.28 0.60 129.21 1.16 13.50

1 5 5.19 0.60 522.20 1.28 21.87

1 10 15.11 0.70 637.74 1.32 31.83

4 2 1.58 0.45 476.79 1.12 16.67

4 5 6.88 0.60 1247.38 1.19 28.96

4 10 13.90 0.65 1777.19 1.24 29.28

9 2 3.40 0.45 977.80 1.19 35.80

9 5 5.88 0.55 1262.89 1.10 24.79

9 10 13.21 0.55 1462.56 1.15 27.82

From Table 5.2, it can be observed that both the peak transconductance and on-

off current ratio increase with the increase of channel width-to-length ratio following

Equations 5.1 and 5.2, and they are not directly correlated with the change of gate

geometry. The main device parameter affected by the gate size is the threshold volt-

age. For devices with the same lateral channel dimensions, a smaller threshold voltage

is observed in Table 5.2. As mentioned in chapter 2, Bernards model considered an

OECT as two circuits: an electronic circuit that consists of a resistor and describes

the electronic charge flow in the channel between the source and drain contact, and

an ionic circuit that consists of a capacitor and a resistor in series and describes the

flow of ions in the direction of gate, electrolyte, and channel [31]. The overall capaci-

tor (Ceq) in the ionic circuit is equivalent to two capacitors in series that are used to

model the electrical double layer formed at the gate/electrolyte interface (CGE) and
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the channel capacitance (CCH) [32]. The correlation is expressed in Equation 5.4:

1

Ceq

=
1

CGE

+
1

CCH

(5.4)

When a small polarizable gate electrode is used, the applied gate potential drop

across each capacitor is inversely proportional to their capacitance [52]. As the gate

area increases, the potential drop at the gate/electrolyte interface reduces resulting

in more effective gating, decrease of the threshold voltage, and shift of the VG(gm,max)

to lower values.

Figure 5.7: (a) Transient gate current (IG) measured at constant VD and pulsed VG

with amplitude ranging from 0.1 to 1 V with a step size of 0.1 V. (b) Injected charge
(Q) as a function of VG. The linear fit shows R = 0.99 with a slope corresponding to
the CCH of the device.

The average µC∗ for Au-OECTs is 25.61± 7.19 (n = 9) F V-1 s-1 cm-1. Even though

both Ag-OECT and Au-OECT are based on PEDOT:PSS, different ink formulations

were used for the channel printing. As described in chapter 3, the ink formulation

used for printing Au-OECTs demonstrated higher conductivity as compared to the

ink formulation used for printing Ag-OECTs; and hence, a higher average µC∗ was

observed. For Au-OECTs, to extract the volumetric capacitance and charge carrier

mobility, the gate transient current (IG) was measured at constant VD = -0.6 V for

pulsed gate voltage with increasing amplitude as shown in Figure 5.7 (a). The ionic

charge (Q) injected into the channel was estimated as the area under the IG curves for
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each applied gate pulse as shown in Figure 5.7 (b). The slope of the Q vs VG curve

is the corresponding channel capacitance (CCH). Volumetric capacitance for each

device is extracted by dividing the CCH by the volume of the channel. The average

volumetric capacitance extracted for Au-OECT using this method is 26.46 ± 3.21 (n

= 9) F/cm3. The average µ is 0.98 ± 0.29 (n = 9) cm2/Vs. The extracted C* and

µ values are lower than the values observed in other literature [30, 33, 146]. Low C*

value may be due to lower EG content used in this ink formulation that reduces the

hydration and the charge capacity of PEDOT:PSS [146]. Low µ may be attributed to

the printed film quality. Another reason for lower C* and µ may be higher parasitic

series resistance between the metal contact and the PEDOT:PSS film which limits

the device performance [32, 147, 148]. The contact resistance is probably higher for

printed OECT as compared to the high quality contact of microfabricated OECTs.

Further studies are required to verify these hypotheses.

Hence, for Au-OECTs, the magnitude of ID, gm, and ID,ON/ID,OFF increase with

W/L. VT decreases as the gate size increases due to increased CGE. This is a signature

feature of OECT, which is useful for tuning parameters to acquire desired sensing

range. Smaller Au gate may not be as efficient as the Ag/AgCl or larger Au gate,

but by utilizing the change of effective gate voltage, molecular sensing using OECT

could be achieved [15, 63, 70, 118, 121]. Based on these optimization, Au-OECT

with channel W/L of 10 was selected for detecting binding of biotin and streptavidin

using the NHC-modified gate electrode. The Au-OECT with W/L of 10 and gate

size of 9 mm2 was chosen for the development of point-of-care SARS-CoV-2 detection

device to ensure high transconductance at low gate voltage and an adequate amount

of antibody attachment for higher sensitivity.

5.4 Conclusion

A systematic study of the influences of device geometry on the OECT performance

was conducted in this chapter. The study was based on two types of OECTs with

78



different contact and gate materials. It was observed that for both types of OECTs,

gm, ID,ON/ID,OFF ratio, and VT are proportional to the W/L and channel thickness.

With a different gate material, the device performance is also affected by the gate ge-

ometry. Based on these observations, devices with different geometries and materials

were selected for different sensing applications in the next few chapters.
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Chapter 6

Unfunctionalized Aerosol Jet
Printed OECT for
Delta-9-tetrahydrocannabinol
(∆9-THC) Sensing

6.1 Introduction

As demonstrated in many other studies and described in chapter 2 and chapter 4 of

this thesis, PEDOT:PSS based OECTs have intrinsic ion sensitivity; and hence, they

can be directly used for ion concentration detection [85, 104, 111]. Taking the advan-

tages of electrochemical redox properties of certain molecules, molecular detections

could be achieved using unfunctionalized OECTs. One common example is hydrogen

peroxide (H2O2). There have been numerous enzymatic biosensors developed based

on the electrochemical oxidation of H2O2 at platinum (Pt) electrode including com-

mercially available glucose sensors. Cicoira et al. have demonstrated the detection

of H2O2 using an OECT with planner Pt gate [60]. Dopamine sensing using OECT

with Pt gate was also demonstrated in several studies [62, 120, 121]. The working

principle is based on the electro-oxidation of dopamine molecules on the Pt gate sur-

face, which induces Faradaic current that modulates the effective gate voltage and

leads to change in the drain current [62]. The same basis may be applied for other

chemical and drug detection.
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Delta-9-tetrahydrocannabinol (∆9-THC) is the main psychoactive ingredient in

cannabis products, which can impair the ability to drive safely and increase the risk

of fatal accident. Conventional ∆9-THC testing is performed in centralized labo-

ratories using bulky and complex instruments such as liquid chromatography (LC)

and gas chromatography-mass spectrometry (GC-MS). With the legalization and de-

criminalization of cannabis in various jurisdictions, it is an urgent need to develop a

sensitive and accurate disposable biosensor for roadside testing of ∆9-THC. ∆9-THC

can be detected in various body fluids, such as blood, urine, and saliva. Blood and

urine tests are not practicable for roadside screening, whereas saliva sample is easy

to collect and more suitable for on-site testing. Moreover, ∆9-THC exists in saliva

at a measurable amount and its level peaks within 1-2 hours after consumption of

cannabis products [149]. Therefore, testing salivary ∆9-THC is highly suitable for

on-site roadside screening [150–153].

Electrochemical biosensors based on passive electrodes could be made into portable

and disposable sensors, but they often suffer from low signal-to-noise ratio and re-

quires external signal amplifications. Due to low dissolution of ∆9-THC in aqueous

media, the common procedure for sensing ∆9-THC using electrochemical electrodes

usually involves drop-casting of the cannabinol solution dissolved in organic solvent

onto the surface of the electrode first, and the measurement is performed after the

solvent has fully evaporated. This step is necessary to concentrate the analyte onto

the electrode surface [154–156]. Such a method is difficult to be implemented for

roadside tests, as there may also be interference from other electroactive substances

in saliva.

OECT has intrinsic signal amplification, low operation voltages, and excellent sta-

bility when operating in aqueous environments; therefore, it is a promising candidate

for developing biosensors for various applications. In this work, we have demonstrated

the detection of ∆9-THC molecules in synthetic saliva buffer using an unfunctional-

ized aerosol jet printed OECT with PEDOT:PSS channel and an external Pt gate.
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In this approach, we have utilized the electrochemical property of ∆9-THC molecules

to achieve the detection.

6.2 Experimental Details

6.2.1 OECT Fabrication

The OECTs were fabricated using Optomec Aerosol Jet 5X printing system on 24.5

µm thick flexible Kapton substrates. The source and drain contacts were printed by

ultrasonic atomizer (UA) using commercially available silver (Ag) nanoparticle (NP)

ink (Clariant EXPT Prelect TPS 50G2), which was diluted with deionized water

with volume ratio of 1:1. The printed Ag traces were annealed in an oven at 130℃

overnight. The PEDOT:PSS ink consists of PEDOT:PSS (Clevios PH-1000) solution

with 20% ethylene glycol (EG) (Sigma Aldrich), 0.1% of dodecyl benzene sulfonic

acid (DBSA) (Sigma Aldrich), and 0.9% of (3-glycidyloxypropyl) trimethoxysilane

(GOPS) (Sigma Aldrich). The PEDOT:PSS ink was then deposited by UA to form

the channel region and cured at 130℃ for 20 mins to prevent the dissolution of

PEDOT:PSS. Finally, an UV-curable polydimethylsiloxane (PDMS) layer was printed

to passivate the source and drain electrodes. The passivation layer was dispensed on

the electrodes by the pneumatic atomizer and partially cured while printing with the

built-in UV lamp (405 nm, 5 mW) and post annealed at 130℃ for 30 mins.

6.2.2 Electrical Measurements

The electrical measurements were carried out using a Keithley 2612B sourcemeter

controlled by a customized LabVIEW program. A platinum (Pt) wire with a diam-

eter of 0.5 mm (267228 from Sigma-Aldrich) was used as the external gate for all

the measurements. Measurements were conducted using ∆9-THC in synthetic saliva

buffer. The synthetic saliva buffer (pH = 6.2) contains 27.5 mM sodium chloride,

6.3 mM ammonium chloride, 4.9 mM sodium phosphate (monobasic), 2.9 mM potas-

sium chloride, 1.1 mM sodium citrate (anhydrous), 0.02 mM magnesium chloride
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(anhydrous), 0.27 mM sodium carbonate and 0.2 mM calcium chloride [152]. The

concentrated ∆9-THC solution was diluted using the synthetic saliva buffer to obtain

different molar concentrations for testing. The output characteristics were measured

using the blank synthetic saliva buffer and 1 µM ∆9-THC solution in synthetic saliva

buffer. The drain voltage (VD) was swept from 0.2 V to -0.8 V for each gate voltage

(VG) stepped from 0 V to 1 V with a step size of 0.1 V. The synthetic saliva ∆9-THC

sensing was carried out with biasing the gate and drain under constant voltages (VG

= 1 V and VD = -0.1 V). After the ID settled, 10 µL of a chosen concentration of ∆9-

THC solution was added into the electrolyte at a fixed time interval and the change

in the drain current (ID) was recorded.

6.3 Results and Discussions

Figure 6.1: (a) Schematic of an aerosol jet printed OECT. (b) Schematic of OECT
based ∆9-THC sensor. (c) Chemical structure of delta-9-tetrahydrocannabinol (∆9-
THC) and the electro-oxidation of the phenol group on the ∆9-THC molecule [155,
157]. (d) Potential drops across the two electric double layers (EDLs) at the interfaces
of the gate/electrolyte and the channel/electrolyte. The two capacitors, CGE and CCE,
are shown as the electrical model to represent the EDLs. (Reproduced from Ref. [63]
with permission from the Royal Society of Chemistry.)
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Figure 6.1 (a) shows the schematic of the OECT used for ∆9-THC sensing. The

OECTs were printed on flexible Kapton substrates with Ag source and drain contacts

and PEDOT:PSS channel. The channel dimensions were optimized as L = 100 µm,

W/L = 4 and d = 560 nm. An external Pt wire was used as the gate electrode. A

schematic of OECT based ∆9-THC sensor is shown in Figure 6.1 (b). The working

principle of OECT based ∆9-THC sensor is based on the electro-oxidation reaction

of phenol groups as shown in the reaction schematic in Figure 6.1 (c). As a small

polarizable electrode was used as the gate in this case, the potential distribution

across the gate, electrolyte, and channel interfaces is illustrated by the solid black

line in Figure 6.1 (d). The applied gate voltage distributed across the two capaci-

tors, CGE and CCE, which are ascribed to the electric double layers (EDLs) formed

at the gate/electrolyte interface and the electrolyte/channel interface, respectively.

When ∆9-THC molecules are introduced to the electrolyte under a positive gate bias,

the oxidation of the phenol group on ∆9-THC molecule generates Faradaic current

and leads to change in the potential distribution within the device as illustrated by

the black dotted line in Figure 6.1 (d). VG
eff is the effective gate voltage that is

required to generate the same potential profile without the Faradaic contribution as

represented by the red dotted line in Figure 6.1 (d). VG
eff is directly proportional to

the concentration of ∆9-THC. Since PEDOT:PSS based OECTs are depletion mode

devices, as VG
eff increases with the increase of ∆9-THC concentration, a decrease in

the magnitude of ID is expected.

Preliminary measurement of ∆9-THC in synthetic saliva buffer was conducted.

The output characteristics of a printed OECT measured using synthetic saliva buffer

with and without ∆9-THC are shown in Figure 6.2 (a)-(b). The shift in the transfer

curves for these measurements at VD = -0.6 V is shown in Figure 6.2 (c), and a

clear decrease in ID is observed with the presence of ∆9-THC. Since various types

of ions present in the synthetic saliva buffer, a real time ID response of aerosol jet

printed OECT was measured with blank synthetic saliva buffer to determine the
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Figure 6.2: The output characteristics of an OECT measured with Pt gate and (a) 1
µM ∆9-THC diluted in synthetic saliva buffer and (b) blank synthetic saliva buffer as
the electrolyte. (c) Shift of transfer curve extracted from the output characteristics
at VD = -0.6 V for the two measurements. There is a clear decrease in the drain
current with the presence of ∆9-THC. (Reproduced from Ref. [63] with permission
from the Royal Society of Chemistry.)

measurement baseline. As shown in Figure 6.3 (a), the drain current shown in red,

ID, spiked after the addition of synthetic saliva buffer, which is likely due to the

sudden ion injection. We also observed that the gate current, shown in blue, IG, had

a sharp increase with a large amplitude when the solution was added. ID settles to the

same current level as before adding the synthetic saliva buffer after approximately

300 seconds. Therefore, to minimize the interference from adding synthetic saliva

buffer, we waited 300 seconds between consecutive ∆9-THC solution additions.

For synthetic saliva ∆9-THC spike test, the OECT was biased at constant voltages,
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Figure 6.3: (a) ID response of an aerosol jet printed OECT to the addition of syn-
thetic saliva buffer. A large gate current spike is also observed when the synthetic
saliva buffer is added due to a large number of cations available in the solution. (b)
ID response of an aerosol jet printed OECT to the addition of ∆9-THC diluted in
synthetic saliva buffer with different concentrations. (c) Normalized ID of an aerosol
jet printed OECT with the addition of different concentrated ∆9-THC in synthetic
saliva buffer. There are two regions of operation with slopes of -0.003 per dec for 1
– 425 nM and -0.02 per dec for 425 nM – 5 mM. (Reproduced from Ref. [63] with
permission from the Royal Society of Chemistry.)

VG = 1 V and VD = -0.8 V, and ID was monitored for each concentration addition.

10 µL of synthetic saliva buffer was used as the background electrolyte and left for

about 300 seconds while ID settled, and then ∆9-THC solution in synthetic saliva

buffer with concentrations ranging from 1 nM to 5 µM was added to the existing

electrolyte. With each addition of ∆9-THC solution, there is a spike in the ID as seen

in the real-time OECT ID response shown in Figure 6.3 (b). However, due to the

effect of ion injection from synthetic saliva buffer, the initial spike after adding the
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sample was not considered for the sensitivity analysis. The normalized ID extracted

from the settled ID regions of Figure 6.3 (b) has been plotted against the ∆9-THC

concentration in Figure 6.3 (c). The sensitivity curve has two distinct slope regions

that intercept at 425 nM. A slope of -0.003 per dec was observed for the concentration

range of 1 – 425 nM, and a slope of -0.02 per dec was observed for 425 nM – 5 µM.

Since the device was not functionalized with bioreceptors for selective detection of

∆9-THC, it had poor reproducibility for sensing ∆9-THC in synthetic saliva buffer

due to excess ions in the buffer solution.

6.4 Conclusion

In this chapter, synthetic saliva ∆9-THC concentration sensing was achieved using

an unfunctionalized OECT with an external Pt wire as the gate electrode. The work-

ing principle of OECT ∆9-THC sensor is based on the potential change induced by

the Faradaic current generated from electrochemical oxidation of ∆9-THC molecules.

These preliminary results demonstrated the potential of utilizing these OECT based

biosensors for rapid roadside testing of salivary ∆9-THC levels. Functionalization of

the device with antibody or mediator is necessary to improve selectivity and sensi-

tivity of the sensor and make it directly usable for detecting ∆9-THC in saliva.
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Chapter 7

Functionalization Study of Aerosol
Jet Printed Organic
Electrochemical Transistor
(OECT) for Glucose Detection1

Jiaxin Fan, Andres Alejandro Forero Pico and Manisha Gupta*

Department of Electrical and Computer Engineering, University of Alberta, Edmon-

ton, Alberta, T6G 1H9, Canada

*Email of corresponding author: mgupta1@ualberta.ca

7.1 Abstract

In this work, we have conducted a functionalization study on organic electrochemical

transistor (OECT) for glucose detection. Functionalization method of a device for

biosensing strongly affects its sensitivity and range of detection. Here, glucose sens-

ing study was performed on aerosol jet (AJ) printed OECTs via four different func-

tionalization configurations: unfunctionalized device with floating GOx, PEDOT:PSS

channel functionalization with GOx, printed Pt gate functionalization with GOx, and

sputtered Pt gate functionalization with GOx, in order to study the effect of function-

alization site and utilization of nanomaterials on sensing range and sensitivity. We

1This manuscript is accepted as J. Fan, A. A. Forero Pico and M. Gupta, ”Aerosol Jet
Printed OECT Functionalization Study for Glucose Detection”, Materials Advances, 2021, DOI:
10.1039/D1MA00479D.
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found that the printed OECT with GOx functionalized printed Pt gate exhibits the

best performance. It demonstrates a large glucose (in PBS solution) detection range

between 100 nM to 50 mM with two sensitivities of 0.022NR/dec for 100 nM to 250

µM and 0.255NR/dec for 250 µM to 50 mM. The OECT with functionalized printed

Pt gate was then evaluated for detection of glucose in artificial sweat buffer, demon-

strating a detection range of 0.1 to 10 mM with two linear slopes of 0.068NR/dec for

100 - 500 µM and 0.384NR/dec for 500 µM - 10 mM. Also, AJ printing and laser

sintering offers the benefit of simultaneous deposition and patterning of material and

rapid annealing of material; and hence, it simplifies the fabrication steps and reduces

the fabrication cost. These results confirm that these functionalized printed OECTs

based sensors are highly promising for application as non-invasive electrochemical glu-

cose sensors. Thus, clearly for biosensor development, the choice of functionalization

site and material is very important.

7.2 Keywords

Organic electrochemical transistor; Aerosol jet printing; glucose sensor; printed elec-

tronics; GOx functionalization

7.3 Introduction

Fast and precise portable glucose detection is an increasing important requirement

as the number of diabetic population is increasing and will reach approximately 700

million by 2045 [158]. Glucose concentration in blood has been widely used as a dis-

ease biomarker for the diagnostic of diabetes. As indicated by the American Diabetes

Association (ADA), diabetes not only is a concern for individuals, but also poses a

significant burden to the healthcare system with the average annual cost of diagnosed

diabetes increased 26% from 2012 to 2017 considering inflation [159]. Monitoring the

episodes of hyperglycemia and severe hypoglycemia is important for diabetic patients
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to manage their conditions. Therefore, biosensors for measuring glucose level have

been rapidly developed, which also drives the market growth for glucose biosensor.

In 2015, the market value of glucose biosensor was estimated at 15.3 billion USD, in

which the home care diagnostic segment, such as point-of-care glucose meter, accounts

for the largest share of 46% [160]. The most used self-testing glucose meters are the

finger-pricking devices. They are based on different types of enzyme modified electro-

chemical electrodes. A blood sample needs to be collected for each measurement from

the patient’s fingertip. Therefore, for the finger-pricking devices, the reading reflects

the blood glucose level for the time window of the blood sampling, and the blood

sampling process could be inconvenient for taking the measurements frequently.

Continuous glucose monitor (CGM) is a wearable device that measures the skin

interstitial fluid glucose level at regular intervals and 24/7. CGM provides more in-

formation about the glycemic variability of an individual and alters the current and

as well as the impending hyper- and hypoglycemia. CGM can also be used in con-

junction with an insulin pump to reduce the risk of hypoglycemia for the patient

[161]. Despite of the potential benefits for glycemic control, the clinical implementa-

tion of CGM is still limited due to barriers such as regular calibration requirement

with blood glucose meter, sensor accuracy and reliability, and high cost [161, 162].

Studies have shown that salivary [163] and sweat [164] glucose level reflects the

change in blood glucose level, and therefore can be used as the monitoring tool to

assess the glycemic status of diabetic patients. These studies have offered an oppor-

tunity for the development of affordable, non-invasive, and highly sensitive disposable

glucose sensors to aid the diabetes management. Organic electrochemical transistors

(OECTs) have been extensively studied as biological and chemical sensors for detect-

ing pH [113], ions [112, 120, 123], lactate [16, 119, 165], dopamine [62, 120, 121],

uric acid [166], DNA [116], cell [167] and proteins [115]. Organic electrochemical

transistor (OECT) is a type of organic thin film transistors (OTFTs), and it exhibits

several advantages for biosensing applications, such as intrinsic signal amplification,
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low operation voltages, and the ability to operate in aqueous environment. An OECT

consists of metal source and drain contact, a conducting polymer channel, an aque-

ous or gel electrolyte in direct contact with the channel, and a metal gate electrode

immersed in the electrolyte. The operation of OECT relies on the electrochemical

doping/dedoping of the active channel material due to the injection of ions from the

electrolyte driven by the gate bias.

To develop a high-performance biosensor, functionalization of the transducer sur-

face is a critical step to improve the sensitivity and more importantly to achieve

the selectivity to the analyte of interest. Various functionalization configurations

have been implemented with OECT to expand its applications in biosensing [168].

Two commonly used categories of immobilization techniques are physisorption and

chemisorption. Physisorption is the simplest method for macromolecule immobiliza-

tion. In this case, the surface functionalization is achieved by immersing the surface

in the biomolecule solution for fixed durations, and the biomolecules are bound to

the surface by weak forces, such as van der Waals forces and electrostatic forces.

Physisorption is a cost-effective method, and the conformation and activity of the

biomolecules are well preserved after immobilization [169]. Some limitations of ph-

ysisorption are desorption from the carrier surface and low immobilization efficiency

[170]. Chemisorption normally requires multiple steps, in which the surface is first

modified with functional groups, and the biomolecules are attached to the surface via

strong covalent bonds. Chemisorption forms strong linkages between the biomolecules

and the surface, and hence the modified surface is more stable. With the assistance

of self-assembled monolayers (SAM), the site-directed attachment can be achieved,

which results in a more homogenous surface and improves the immobilization ef-

ficiency [169]. However, chemisorption may involve toxic solvents and chemicals,

and the biomolecule may lose its functional conformation after immobilization [170].

Nanomaterials have unique properties, and they have been incorporated into vari-

ous fields. For biosensor device development, nanomaterials have been demonstrated
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to enhance the immobilization of biomolecules and promote desired electrochemical

reaction due to their large surface area [170, 171].

Another key factor to consider for biosensor design is the region of modification.

For an OECT, the channel and gate are the two main sites for functionalization, as

they are in direct contact with the electrolyte and the analyte. Depending on the

requirements for a specific analyte detection and sensing mechanism, each function-

alizing site poses its advantages. When the channel is functionalized, the interaction

between the analyte and channel leads to direct device response [8]. The modifi-

cation of channel interface leads to the change in the interfacial potential, and the

binding of analyte modulates the channel current [71, 84, 86]. However, certain func-

tionalization techniques damage the channel material, which results in low sensing

performance. Whereas for gate functionalization, the channel remains intact after

modification. Furthermore, as OECTs have high transconductance (gm), any small

changes at the gate caused by the interaction with the analyte will be transduced

into apparent changes in the channel current [8]. OECTs are commonly fabricated

with microfabrication techniques, but they can also be fabricated by various printing

techniques such as screen printing [172], inkjet printing, 3D printing [103, 104, 123]

and aerosol jet (AJ) printing [63, 105]. Printing technologies provide the benefits

of versatility and wide-range material compatibility, and they allow patterning and

depositing the material for each layer simultaneously, which reduces the steps and

cost of fabrication [8]. As compared to other printing techniques, AJ printing is a

non-contact technique, and by utilizing a sheath gas flow along with the carrier gas

flow, it is capable to print features that are in the size of a fraction of the nozzle size.

In the past two decades, quite a few research groups have demonstrated OECT

based glucose sensors, both functionalized and unfunctionalized, which have exhib-

ited low limit of detection, high sensitivity, and high linearity range [65, 72, 73, 173].

Here, we have conducted a detailed study of which OECT functionalization configu-

ration works the best for glucose sensing. We used fully aerosol jet printed OECTs
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with Ag source and drain contact, poly(3,4-ethylenedioxythiophene): polystyrene sul-

fonate (PEDOT:PSS) channel, and printed/sputtered in-plane Pt gate. The detection

of glucose was carried out using the printed OECT with glucose oxidase (GOx) in

four different configurations: unfunctionalized OECT with floating GOx, functional-

ized channel, functionalized printed Pt gate, and functionalized sputtered Pt gate.

Physisorption technique was utilized for GOx immobilization for all functionalization

cases in this work. The performance of these four types of sensors were evaluated by

their detection range, sensitivity, and feasibility as sweat glucose sensor. The sensor

speed was not evaluated in this work, as the OECT’s response time mainly depends

on its channel thickness and ionic transportation [33, 174], which were kept the same

for all four functionalization configurations. Based on this study, we observe the

functionalized printed Pt gate demonstrated the best glucose sensing performance.

This is due to the higher surface area of the printed nanoparticle based Pt gate which

makes it very effective for GOx adsorption.

7.4 Material and Method

7.4.1 Device Fabrication

OECTs were printed on polyimide films (Kapton Type HN Films purchased from

Cole-Parmer, 25.4 µm thick) using Optomec Aerosol Jet 5-axis (AJ5X) 3D printing

system. The system is equipped with two atomizers: ultrasonic (UA) and pneumatic

(PA). The UA and PA are used to dispense low and high viscosity materials, respec-

tively. The device layouts were designed in AutoCAD 2018 software and exported

as the compatible script for printing by VMTool developed by Optomec. Commer-

cially available silver (Ag) nanoparticle (NP) ink (Clariant EXPT Prelect TPS 50G2)

was first diluted with deionized (DI) water with volume (v/v) ratio of 1:1. The di-

luted Ag NP ink was then used for printing the source and drain contacts of OECT

using UA. Two layers of wet printing were used to ensure the continuity of the re-
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sulting Ag traces. The thickness of the Ag film is 2.44 ± 0.03 µm after curing in

oven overnight at 130℃ and the average conductivity is 2 x 105 S/cm. Conductive

platinum (Pt) nanoparticle (NP) ink (UT DOTS, INC.) was used for printing the

in-plane gate electrode for OECT. The Pt NP patterns were laser sintered by 830 nm

laser with 100 mW power. The resulting Pt film has an average thickness of 200 ±

4 nm and conductivity of 7.05 S/cm. The PEDOT:PSS ink was prepared by mix-

ing PEDOT:PSS (Clevios PH-1000) solution with 20% ethylene glycol (EG) (Sigma

Aldrich), 0.1% of dodecylbenzene sulfonic acid (DBSA) (Sigma Aldrich), and 0.9% of

(3-glycidyloxypropyl) trimethoxysilane (GOPS) (Sigma Aldrich). The PEDOT:PSS

ink was then sonicated for 1 hour and filtered through 0.45 µm nylon syringe filter

to eliminate any large particles. The filtered ink was then deposited by UA to form

channel region on the printed Ag source and drain. UV-curable polydimethylsilox-

ane (PDMS) (Shin-Etsu KER-4690A/B) was used to passivate the source and drain

electrode to prevent shorting from the electrolyte. The PDMS solution was diluted

with hexane with a v/v ratio of 3:1. The diluted PDMS ink was dispensed on the

electrodes by PA and cured on-the-fly with UV (405 nm 5 mW). A final bake at 130℃

for 30 mins was done on hotplate to ensure the PDMS layer was fully crosslinked.

For devices with sputtered Pt gate electrode, silicon (Si) wafers coated with 500

nm thermal oxide (SiO2) were used as the substrate. The SiO2/Si wafer was cleaned

in piranha solution for 15 mins and thoroughly rinsed with DI water and dried with

nitrogen. The wafer was immediately treated in an automatic hexamethyldisilizane

(HMDS) vapour prime oven to promote photoresist adhesion. After patterning with

AZ5214 photoresist and MF390 developer, 10 nm of titanium (Ti) and 100 nm of plat-

inum (Pt) were subsequently deposited using a magnetron sputter system, and lift-off

was performed in acetone to form the Pt gate electrode. The OECT devices were

then printed on the SiO2/Si substrate and next to the patterned Pt gate electrode

using the same steps mentioned above.
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7.4.2 Enzyme Immobilization

Glucose oxidase (GOx) (from Aspergillus niger, Sigma Aldrich, G2133) was first dis-

solved in 1x phosphate buffer saline (PBS) (Fisher Scientific) solution (pH = 7.4) to

make 32 mg/mL GOx solution. 1 wt% CHIT solution was prepared by dissolving low

molecular weight chitosan (CHIT) (Sigma Aldrich) in 1% acetic acid (Sigma Aldrich).

The GOx and CHIT solution with a volume ratio of 1:1 was mixed to prepare the final

stock solution for functionalization with a GOx concentration of 16 mg/mL. To func-

tionalize the OECT, 3 µL of GOx stock solution was drop-cast using a micropipette

onto the channel or the gate region. The device was left to dry for 72 hours at 4℃ .

After the GOx immobilization, the functionalized area of the device was rinsed three

times with PBS solution and finally with DI water to remove any loose material. The

devices were then tested. The enzyme stock solution concentration was optimized

based on the performance of OECT based glucose sensor with functionalized channel

and printed Pt gate. Supplementary Figure A.1 shows the real time ID measured for

OECTs functionalized with 3 µL of 8 mg/mL GOx stock solution. Smaller detection

ranges of 0.2 to 2 mM and 0.1 to 5 mM were observed for OECTs with functionalized

channel and functionalized printed gate, respectively. These ranges are not sufficient

for detecting the glucose level in sweat. Therefore, the final GOx stock solution of 16

mg/mL was used to extend the range of detection.

7.4.3 Device Characterization

All the electrical measurements were performed at room temperature using a Keithley

2612B source meter controlled by LabView. Each device was characterized using 1x

PBS solution as the electrolyte and printed in-plane Pt gate to evaluate their device

performance before functionalization. The current-voltage (I-V) characteristics of

the devices were collected by biasing the gate voltage (VG) from 0 V to 1 V with

a step of 0.1 V while sweeping the drain voltage (VD) from 0.2 V to -0.8 V with

step size of -0.02 V and measuring the drain current (ID). The transfer curve (ID
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vs VG) and transconductance (gm = ∆ID/∆VG) were extracted from the device I-V

characteristics.

The glucose sensing was conducted by biasing the OECT with constant VD (-0.2

V) and VG (0.6 V) and measuring ID as a function of time. 5 µL of PBS solution

was added initially as the background electrolyte, and then 5 µL of D-glucose (Sigma

Aldrich) dissolved in PBS with incremental concentrations (100 nM to 50 mM) was

consecutively added to the electrolyte at fixed time intervals. For floating GOx ex-

periments, 3 µL of GOx solution (16 mg/mL in PBS) was added to the electrolyte

before adding glucose solutions.

To compare the glucose sensitivity over different devices, the change of drain cur-

rent after adding different concentrated glucose solutions was normalized as following:

NR = |I
conc=0
D − Iconc>0

D

Iconc=0
D

| (7.1)

where NR is the normalized ID response Iconc=0
D represents the drain current before

adding glucose to the electrolyte, and Iconc>0
D is the drain current after adding glucose

solution of a specific concentration.

Artificial sweat buffer was prepared according to the ISO standard ISO-3160-2,

which contains 20 g/L NaCl, 17.5 g/L NH4Cl, 5 g/L acetic acid and 15 g/L lactic

acid, and the pH of the solution was adjusted to 4.7 using sodium hydroxide (NaOH).

Glucose sensing was conducted in the artificial sweat buffer using the same procedure

as the one used for glucose sensing in PBS.

7.5 Results and Discussion

7.5.1 Sensor design and sensing mechanism

Figure 7.1 shows the microscope images of the OECT based glucose sensors devel-

oped for this work using four functionalization configurations. For the unfunction-

alized OECT with floating GOx, the OECT with printed Pt gate was directly used

for glucose detection with GOx added to the electrolyte during the measurement. In
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this case, there is no loss for the enzyme amount, and the biofunction of the enzyme

remains unaffected. For the functionalized channel, the GOx was immobilized to the

channel of the OECT via physisorption as shown Figure 7.1 (b). This configuration

was compared with the OECT with functionalized printed Pt gate to determine which

functionalization site is preferable. To study the effect of nanomaterials, two function-

alized gate configurations were utilized: Pt gate deposited by magnetron sputtering

and printed Pt gate using nanoparticle based ink. All the OECTs used in this work

have similar dimensions: a gate size of 1 mm2, a channel length of 100 µm, an average

channel width-to-length ratio of 4, and an average channel thickness of 560 nm.

Figure 7.2 (a) - (b) shows the typical output and transfer characteristics of a

printed unfunctionalized OECT measured with the printed Pt gate and PBS solution

as the electrolyte. When both the channel and gate electrode are immersed in an

electrolyte and a positive gate bias is applied, the cations in the electrolyte penetrate

the channel and compensate the negative charges on PSS, reducing PEDOT to its

less conducting neutral state. This leads to a decrease in the magnitude of drain

current. From the transfer characteristics (Figure 7.2 (b)), we observed that these

printed OECTs exhibit typical p-type depletion (normally ON) mode behavior as

expected. An overall gate to drain bias difference of less than 1 V is preferred in

order to avoid water electrolysis. Hence, a constant drain bias, VD, of -0.2 V was

selected for the glucose spike tests. From the transconductance (gm) curves (Figure

7.2 (c)), the maximum transconductance (gm,max) for VD = -0.2 V appears near VG

value of 0.6 to 0.7 V. Therefore, to maximize the device sensitivity, a gate bias, VG,

of 0.6 V was used for conducting the real time glucose sensing, ID, measurements.

The glucose sensing mechanism using GOx for functionalization has been explained

by other research groups [73, 117, 118, 175]. This is based on the enzymatic reaction

of GOx and the glucose molecules and the oxidation of the hydrogen peroxide (H2O2)
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Figure 7.1: Printed OECTs based glucose sensors developed for this work. (a) Micro-
scope image of a printed unfunctionalized OECT on Kapton substrate with printed
Ag source and drain contact, PEDOT:PSS channel, and in-plane Pt gate without
any modifications. The metal traces were passivated with PDMS mask to prevent
shorting during the measurement. (b) Microscope image of a fully printed OECT
on Kapton substrate with channel functionalized with GOx for glucose sensing. (c)
Microscope image of a printed OECT on Kapton substrate with GOx functionalized
printed Pt gate for glucose sensing. (d) Microscope image of a printed OECT on
SiO2/Si substrate with GOx functionalized sputtered Pt gate.

at Pt gate electrode under positive bias as shown in the following chemical reactions:

D-glucose +O2
GOx−−→ D-glucono-1,5-lactone +H2O2 (7.2)

H2O2 → O2 + 2H+ + 2e− (7.3)

where O2 is oxygen molecule, H+ is hydrogen ion, and e− represents electron. As small

enough voltages are selected to bias the OECT to prevent the electrolysis of water,

the device operates in the non-Faradaic regime. From the reaction shown in equation
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Figure 7.2: (a) Typical output characteristics of a printed OECT measured with PBS
electrolyte under different VG (0 to 1 V). (b) Transfer characteristics under different
VD (-0.1 V to -0.8 V) of a printed unfunctionalized OECT. (c) gm curves extracted
for VD ranging from -0.1 to -0.4 V. (d) ID shows negligible change with the increase
in glucose concentration for an OECT without any GOx functionalization.

7.2, it can be observed that the D-glucose molecules are oxidized to D-glucono-1,5-

lactone under the catalytic effect of GOx. The H2O2 produced in the process is

proportional to the initial glucose concentration. As shown in reaction in equation

7.3, the dissociation of H2O2 molecules is catalyzed by Pt and this induces electron

transfer (Faradaic current) to the Pt gate electrode. This Faradaic contribution can be

described by Nernst’s equation. Since the device is under constant bias, the Faradaic

current due to H2O2 decomposition changes the potential distribution across the gate

electrolyte and channel interface which leads to an increase in the effective gate voltage

(V eff
G ) and a decrease in the magnitude of the drain current (|ID|) [72]. Therefore, a
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decrease in |ID| is expected as the electrolyte glucose concentration increases, which

can be used for glucose detection.

To evaluate and compare the performance of the four types of OECT based glucose

sensors, the OECTs were biased under constant drain and gate voltage (VG = 0.6

V and VD = -0.2 V). The ID was then measured as a function of time with an

incremental concentration of the glucose solution added directly to the electrolyte.

Figure 7.2 (d) shows that unfunctionalized OECT, without GOx in the electrolyte,

exhibits negligible ID change with an increase in glucose concentration up to 50 mM.

Thus, unfunctionalized OECT cannot be directly used for the detection of glucose

concentration.

Figure 7.3 shows the ID response of the OECTs with four different functionalization

configurations to the addition of glucose solution. Figure 7.3 (a) shows the real-time

ID response of the floating GOx case, in which an unfunctionalized OECT with 3 µL

of GOx solution was added to the electrolyte before adding glucose and measured

with a printed Pt gate. Figure 7.3 (b) shows the ID response of a printed OECT with

GOx physically adsorbed onto the PEDOT:PSS channel region and measured using

a printed Pt gate. Figure 7.3 (c) - (d) shows the ID response of an OECT with GOx

functionalized printed Pt gate and the ID response of an OECT with GOx functional-

ized sputtered Pt gate, respectively. For all the four different cases, a clear shift of ID

was observed after each glucose addition. As expected, the magnitude of ID decreases

as the glucose concentration increases. The corresponding gate current (IG) response

of the OECTs during glucose measurement for the four functionalization configura-

tions offer additional evidence of the generation of Faradaic current as shown in the

Supplementary Figure A.2. For the first few glucose concentrations, because there is

less amount of glucose molecules, the current response is much lower as compared to

the higher glucose concentration measurements. The real-time ID response in Figure

7.3 was used to extract the normalized drain current response for the four different

functionalization configurations to compare the device sensitivities. The normalized
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Figure 7.3: ID response of printed OECTs to additions of glucose solution under
constant biases (VG = 0.6 V and VD = -0.2 V). (a) ID response of an unfunctionalized
OECT measured with printed Pt gate and floating GOx. (Inset: ID response to the
addition of glucose concentration from 100 nM to 100 µM) (b) ID response of an OECT
with the channel functionalized with GOx and printed Pt gate. (Inset: ID response
to the addition of glucose concentration from 1 µM to 500 µM) (c) ID response of an
OECT with GOx functionalized printed Pt gate. (Inset: ID response to the addition
of glucose concentration from 100 nM to 10 µM) (d) ID response of a printed OECT
with functionalized sputtered Pt gate. (Inset: ID response to the addition of glucose
concentration from 1 µM to 2 mM)

ID response (NR) was then plotted against the logarithmic glucose concentration as

shown in Figure 7.4.

Figure 7.4 (a) shows the NR of the floating GOx case averaged over three differ-

ent devices. In this case, two distinctive linear regions are observed; a correlation

coefficient (R) of 0.993 and sensitivity of 0.020NR/dec is obtained for the glucose

concentration range of 100 nM - 153 µM, and R = 0.991 and higher sensitivity of
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Figure 7.4: Normalized ID response (NR) of OECT to the logarithmic glucose con-
centration. (a) The average NR of OECTs with floating GOx and printed Pt gate
showing two linear regions with a slope of 0.020NR/dec for glucose concentration of
100 nM to 153 µM and a slope of 0.283NR/dec for glucose concentration of 153 µM
to 50 mM. (b) The average NR of OECT with functionalized channel and printed Pt
gate with two linear regions showing a slope of 0.019NR/dec for glucose concentration
of 10 µM to 413 µM and a slope of 0.254 NR/dec for 413 µM to 2 mM. (c) The
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average NR of OECTs with functionalized printed Pt gate showing two linear regions
with a slope of 0.022NR/dec for glucose concentration of 100 nM to 250 µM and a
slope of 0.255NR/dec for glucose concentration of 250 µM to 50 mM. (d) The average
NR of OECTs with functionalized sputtered Pt gate showing two linear regions with
a slope of 0.015NR/dec for glucose concentration of 1 µM to 1.3 mM and a slope
of 0.314NR/dec for glucose concentration of 1.3 mM to 50 mM. (e) Average NR for
all four functionalization methods plotted in the same graph. Error bar represents
standard error for all the plots.

0.283NR/dec was obtained for the range of 150 µM - 50 mM. Figure 7.4 (b) demon-

strates the NR of OECTs with functionalized channel averaged over three different

devices. ID scaled linearly with a slope of 0.019NR/dec for 1 µM – 413 µM and a sec-

ond linear slope of 0.254NR/dec for 413 µM – 2 mM is observed in this case. Figure

7.4 (c) shows the average NR of three different OECTs with functionalized printed

Pt gate, and two sensitivity regions are also observed here with 0.022NR/dec and R

= 0.983 for lower glucose concentration range of 100 nM - 250 µM, and 0.255NR/dec

and R = 0.976 for higher glucose concentration range of 250 µM – 50 mM. Figure 7.4

(d) demonstrates the average NR of three OECTs with functionalized sputtered Pt

gate. There are also two sensitivity regions in this case. A sensitivity of 0.015NR/dec

and R = 0.965 is obtained for 1 µM – 1 mM, and a sensitivity of 0.314NR/dec and

R = 0.960 is obtained for glucose concentration range of 1 mM – 50 mM. Two lin-

ear slopes are observed for each OECT functionalization configuration. Since a fixed

amount of GOx molecules were presented in each functionalization configuration, for

the initial low glucose concentration sensing, there were enough free GOx molecules

to convert all the added glucose molecules. Thus, as the glucose concentration kept

increasing, all the GOx molecules had reacted which led to a reduction in the reaction

rate. In addition, as the glucose concentration increased, the H2O2 molecules pro-

duced also increased. Since the Pt surface area was fixed for each functionalization

configuration, the dissociation of H2O2 molecules was limited by the surface area at

higher glucose concentrations instead of the H2O2 molecule diffusion rate for the lower

glucose concentrations. The changes in the reaction rate may be the reason why we
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observe the two sensitivity ranges for these OECT based glucose sensors.

Figure 7.4 (e) shows the average NR extracted for all four functionalization con-

figurations plotted in the same graph. For the unfunctionalized OECT with floating

GOx, since the device was unmodified and the GOx solution was directly added

to the electrolyte, the device performance and the quantity and activity of the en-

zymes were fully preserved. Hence, the OECT responded to a large range of glucose

concentration (100 nM to 50 mM). However, this configuration is not suitable for

non-invasive glucose sensor development, as it requires an additional step to add the

enzyme prior to the test, which could induce potential issues such as inconvenience in

testing, additional requirements for the storage and transportation of the enzyme so-

lution, and calibration and/or measurement error due to inconsistent enzyme amount.

The printed OECTs with functionalized channel showed poor sensor performance, in-

cluding a lower detection range of 10 µM to 5 mM and a lower ID magnitude when

compared to the other functionalization configurations. This is likely due to the degra-

dation of the PEODT:PSS film conductivity after GOx adsorption, which leads to

the decrease in the device transconductance, and hence lower sensitivity. In addition,

it took longer for the H2O2 molecules produced at the channel to diffuse to the Pt

gate surface and get oxidized, which also contributed to the poor sensor performance.

Therefore, channel is not a favored functionalization site for immobilizing GOx by

physisorption technique. The OECT with functionalized printed Pt gate exhibited

similar sensitivities and detection range as compared to the unfunctionalized OECT

with floating GOx, indicating that both the device sensitivity and enzyme bioactivity

were not affected by the functionalization. This also indicated that the amount of

GOx immobilized onto the gate surface is adequate for glucose detection in the de-

sirable concentration range. Additionally, since GOx is immobilized on the gate, it is

more convenient to be directly used as non-invasive glucose sensor. When compared

with the channel functionalization, gate is a more appropriate functionalization site

to maintain the device performance. Even though the printed OECT with function-
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alized sputtered Pt gate had the highest average sensitivity for the higher glucose

concentration range (1.3 mM to 50 mM) among the four types of sensors, it was also

less sensitive for the lower glucose concentration range (1 µM to 1.3 mM), which is

a more important range for developing sweat glucose sensors, as the glucose levels in

sweat (0.277 - 1.11 mM) [15, 164] are lower than the levels in blood (3 - 20 mM) [176].

A higher surface roughness of the printed Pt nanoparticle-based film was observed

in the scanning electron microscope (SEM) and atomic force microscopic (AFM) im-

ages in Figure A.3. The RMS roughness (Rq) of the printed Pt thin film was 13.8

nm, which is approximately 16 times of the value for the sputtered Pt thin film (Rq

= 0.852 nm). The higher surface area of the printed Pt films facilitates more GOx

adsorption per unit area and the electrochemical oxidation of H2O2, which results in

higher sensitivity for low glucose concentration range. Hence, among the four types

of OECT based glucose sensors we found that the printed Pt gate functionalization

was the most suitable one for sweat glucose detection.

Our results along with some other OECT based glucose sensors reported in the

literature are listed in Table 7.1. Several studies have utilized nanomaterials, such as

nanoparticles and graphene, and demonstrated improvement in the limit of detection

and sensor sensitivity due to their excellent electrical and chemical properties and,

more importantly, higher surface area to volume ratio, which improves the electro-

catalysis and enzyme immobilization [72, 166, 178]. In our case, we have utilized

a nanoparticle-based ink for printing the gate electrode and demonstrated an im-

provement in the limit of detection and sensitivity for lower concentration range as

compared with the sample prepared using magnetron sputtering. In addition, uti-

lizing AJ printing technique is capable of achieving high particle density films by a

one-step nanoparticle ink patterning and deposition and rapid film annealing by laser

sintering. Another type of key material used by many groups is biopolymers, such

as CHIT and Nafion, which improve enzyme immobilization due to their excellent

biocompatibilities [72, 166, 178]. Similarly, in this study, the OECT with the en-
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Table 7.1: Comparison of the detection range and sensitivity of different types of
OECT based glucose sensors

Channel Gate Sensing Detection Sensitivity Ref.

material material technique range

PEDOT:PSS AJ printed Pt Floating 100 nM – 153 µM 0.020NR/dec This

GOx 153 µM – 50 mM 0.283NR/dec work

CHIT/GOx/ AJ printed Pt Immobilized 10 µM – 413 µM 0.019NR/dec This

PEDOT:PSS GOx 413 µM – 5 mM 0.254NR/dec work

PEDOT:PSS CHIT/GOx/ Immobilized 100 nM – 250 µM 0.022NR/dec This

AJ printed Pt/ GOx 250 µM - 50 mM 0.255NR/dec work

PEDOT:PSS CHIT/GOx/Pt Immobilized 1 µM – 1.3 mM 0.015NR/dec This

GOx 1.3 mM – 50 mM 0.317NR/dec work

PEDOT:PSS Pt Floating 1 µM – 10 mM 0.01NR/µM [177]

GOx

PEDOT:PSS Nafion/GOx/ Immobilized 100 nM – 5 mM 0.0082NR/dec [72]

Pt NPs TNTA GOx

PPy/rGO PPy/rGO/PA6/ Immobilized 1 nM - 5 µM 0.773NR/dec [166]

GOx/Nafion GOx

PEDOT:PSS CHIT/GOx/Pt NPs Immobilized 10 µM - 5 mM 0.4762NR/mM [178]

PEDOT:PSS/Au GOx

NDI-T2 (P90) GOx/Au Immobilized 10 nM – 20 mM 0.26NR/dec- [173]

GOx 16.32NR/dec

PPy: polypyrrole

rGO: reduced graphene oxide

TNTA: TiO2 nanotube array

zyme modified printed gate shows similar detection range and sensitivity with the

unfunctionalized OECT tested with floating GOx, indicating that the bioactivity of

the enzyme is well preserved after immobilization.

7.5.2 Glucose sensing in artificial sweat buffer

Glucose sensing in artificial sweat buffer was conducted using the OECT with func-

tionalized printed Pt gate, as it exhibited the best performance among the four func-

tionalization configurations. The measurements were carried out with biasing the

OECT at constant voltages (VG = 0.6 V and VD = -0.2 V) and using artificial sweat

buffer as the background electrolyte. Once ID settled, 10 µL of glucose solutions dis-

solved in the artificial sweat buffer with concentrations of 100 µM, 500 µM, 1 mM,

and 10 mM were consecutively added to the electrolyte, and the change in ID and

IG were recorded as shown in Figure 7.5 (a). Distinctive decrease in ID (black curve)
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after each glucose addition can be observed, and the increase in IG (blue curve) is a

clear indication for the Faradaic current due to H2O2 oxidation. This detection range

covers the glucose levels found in human sweat (0.227 - 1.11 mM). When compared to

the measurements conducted using PBS solution, ID took longer time to settle after

each glucose solution addition. The slower response might be attributed to the com-

position and pH difference of the two types of buffer solutions, which leads to slower

molecule diffusion rate and change in the enzymatic activity of GOx. Figure 7.5 (b)

shows the corresponding normalized IDresponse of printed OECT with printed Pt

gate averaged over three different devices. Like the measurements conducted in PBS

solution, there are two sensitivity regions with a slope of 0.068NR/dec and R = 1 for

sweat glucose concentration range of 100 µM - 500 µM and a slope of 0.384NR/dec

and R = 1 for sweat glucose concentration range of 500 µM - 10 mM.

Figure 7.5: (a) ID response of a printed OECT with GOx functionalized printed Pt
gate to the additions of glucose solutions dissolved in artificial sweat buffer. (b) Aver-
age NR of printed OECTs with functionalized printed Pt gate to the logarithmic sweat
glucose concentration. Two linear regions are observed with slopes of 0.068NR/dec
and 0.384NR/dec for concentration ranges of 100 µM - 500 µM and 500 µM – 10 mM,
respectively. Error bar represents the standard error.

Table 7.2 summarizes some previously reported transistor and electrode based

sweat glucose biosensors along with our printed OECT based sweat glucose sensor.

Most of these sweat glucose biosensors have utilized nanostructures or nanomaterials

to increase the surface-to-volume ratio of the active area of the device for improving
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the sensing performance for low concentration detection. It also has been demon-

strated that pH value of the testing solution affects the sensitivity of the glucose

sensors [19, 179, 180]. As human sweat has a pH ranging from 3 to 6.5 with average

value of 4.8 [181], the pH value should be taken into consideration when developing

sweat glucose sensors. Future improvement of these printed OECT based glucose

sensors would include channel dimension optimized for specific concentration ranges

to improve the sensitivity and pH calibration to improve the accuracy.

Table 7.2: Summary of glucose biosensors for artificial or human sweat glucose anal-
ysis.

Device Sample Solution Detection Range Ref.

Printed OECT Artificial sweat 0.1 -10 mM This work

In2O3 nanoribbon Artifical Sweat 0.1 µM - 1 mM [15]

transistor

Solution gated Artificial sweat 0.01 – 31 mM [182]

graphene transistor

Fiber electrode Artificial sweat 0 – 0.5 mM [183]

rGO nanocomposite Human sweat 0 – 2.4 mM [180]

electrode

Zinc Oxide (ZnO) Human sweat 0.01 – 200 mg/dL [184]

based electrode (0.55 µM – 11 mM)

Here, we have demonstrated that different OECT functionalization configurations

affect the sensing range and sensitivity using the example of a OECT based glucose

sensor. The choice of functionalization technique and site depends on the mate-

rials used for the device fabrication and configuration, the bio-recognition element

to be attached to the surface, and the analyte to be detected. Physisorption may

not be a suitable technique for immobilizing all types of biomolecules. For instance,

chemisorption techniques are more frequently used for antibody functionalization, as

antibodies, which are often used in the development of immunosensor due to their
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high binding specificity, experience conformational changes during the adsorption

process and this leads to a decrease in their bioactivity [185]. Field-effect transistors

(FETs) with different active channel materials benefit from various functionalization

sites. An extended gate configuration is adopted by ion-sensitive field-effect tran-

sistors (ISFETs) that are based on metal-oxide semiconductor field-effect transistors

(MOSFETs). In this sensor architecture, a functional extended gate can be integrated

with a standard MOSFET, and gate functionalization improves their selectivity with

high sensitivity [186–188]. Recent studies of SARS-CoV-2 antibody functionalized

FET biosensors have used carbon-based nanomaterials as their active channel. Car-

bon based nanomaterials facilitates chemisorption with antibodies; hence, in these

studies, the antibodies were directly functionalized onto the channel. These sensors

were ultrasensitive to the targeted antibody-antigen binding [189, 190]. Another fac-

tor to consider for biosensor design is the type of analyte solution. The stability

and activity of attached biomolecules in the analyte solution and any inhibitors or

competing entities present in the analyte solution may all have an impact on the

biosensor performance. Thus, based on the analyte to be detected and the type of

sensor different approaches can be chosen for functionalization.

7.6 Conclusion

In this work, we demonstrated the use of aerosol jet printed OECTs with in-plane Pt

gate for glucose detection with four different functionalization configurations: unfunc-

tionalized OECT with floating GOx, functionalized channel, functionalized printed

Pt gate, and functionalized sputtered Pt gate. The glucose detection range and sensi-

tivity were extracted and compared for all four functionalization configurations. The

printed OECT with the printed Pt gate exhibited the best sensing performance with

a large glucose detection range of 100 nM–50 mM in PBS. By using the nanoparticle-

based Pt ink for gate printing and biopolymer for enzyme immobilization, the func-

tionalized device exhibited an improved limit of detection and a higher sensitivity to
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a lower glucose concentration range. The printed OECT with functionalized printed

Pt gate shows two different sensitivity of 0.022NR/dec for 100 nM to 250 µM and

0.255NR/dec for 250 µM to 50 mM and is the most suitable for application as sweat

glucose sensor. Glucose sensing in artificial sweat buffer using OECT with function-

alized printed Pt gate demonstrated a detection range of 0.1 to 10 mM, which covers

the sweat glucose range, with two linear slopes of 0.068NR/dec for 100 - 500 µM and

0.384NR/dec for 500 µM - 10 mM. Thus, clearly the functionalization strategy is an

extremely important parameter in designing a biosensor. For the glucose detection,

we found the nanostructured gate electrode functionalization to be the best option.

The sensor design will have to be modified for sweat collection [191] for use as a wear-

able glucose sensor. Both pH and temperature affect the GOx enzyme activity. Thus,

integrating these would improve the glucose measurement. In addition, a sensor array

and/or logic circuit may also be implemented to improve detection accuracy. Also,

it would be beneficial to be able to transfer the data from the wearable sensor to the

user’s cell phone and healthcare professionals. This will enable remote monitoring of

patients’ conditions including people in remote locations. Thus, this is an enabling

technology that can be utilized for wearable sensors.
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Chapter 8

Aerosol Jet Printed OECT with
N-heterocyclic Carbene (NHC)
Functionalized Gate for Biosensing
Applications

8.1 Introduction

Organic electrochemical transistors (OECTs) have attracted great research attention

during the past few decades for developing the next-generation bioelectronics [192],

as they are compatible with aqueous environments with low operating voltages and

capable of converting the ionic signal to electrical signal with intrinsic amplification.

Biological and chemical sensing has been achieved by altering the device materials and

functionalizing the device surfaces. Surface functionalization is the key to improve

selectivity and sensitivity of a biosensor. OECTs are three-terminal devices with

source, drain, and gate contacts. As both the channel and the gate are immersed

in an electrolyte and in direct contact with the analyte, the surface modification has

been focused on the channel and gate electrode surfaces. Functionalizing the channel

provides a direct indication of the interaction with the analyte, but it may lead to dete-

rioration of the channel material and device performance, thus is less preferred. Gate

functionalization offers the advantage of tailoring the interfacial properties without

affecting the channel conductivity. By using an external gate electrode, the function-

111



alization process can be completely separated from the other part of the device to

help retaining the device performance and achieving better sensitivity. In this work,

gold was selected as the gate material as it is inert, biocompatible, and capable of

withstanding harsh chemical cleaning processes.

As mentioned in chapter 2, even though physisorption is the simplest functional-

ization method, it suffers from poor stability and may not be suitable for all types of

biomolecules. Chemisorption techniques are often used for immobilizing antibodies,

as strong covalent bonds are formed between the biomolecules and the surface, and

the orientation of attachment could also be controlled to obtain more homogenous

surface. Self-assembled monolayers (SAMs) of organic molecules are widely used to

activate the surface with functional groups to facilitate biomolecule attachment. Uti-

lizing the interaction between sulfur and gold, thiol-based ligands are the most com-

mon molecule class for functionalizing gold surface. Thiol-based functional groups

have been widely implemented in biomolecule sensing technologies [78, 88, 193–195].

However, the main challenges associated with the thiol-base SAMs are their rapid ox-

idation and degradation under ambient conditions [196–199]. The instability of thiol

functionalized surfaces is one of the most serious problems for applications under

ambient and aqueous environments which are often required for biosensing applica-

tions. In 2014, Crudden et al. have demonstrated ultra stable N-heterocyclic carbene

(NHC) SAMs on gold surfaces. Once bound to the Au surface, NHC based SAMs have

shown high thermal, hydrolytic, chemical, oxidative, and electrochemical stabilities

[200] which are promising properties for biosensor development. There have been a

few biosensors developed using NHC modified Au surface, and they are mainly optical

sensors based on surface plasmon resonance [201, 202]. Mayall et al. were the first

to demonstrate an electrochemical biosensor based on NHC modified Au for measles

virus detection [193].

In this chapter, we developed a biosensor using an aerosol jet printed OECT

in conjugation with an external planer printed Au gate functionalized with NHC.
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The biosensor showed selectivity towards streptavidin protein, and the detection was

achieved by functionalizing the external gate electrode with biotin which is linked to

the surface by NHC based ligands. As the gate functionalization process was com-

pletely separated from the OECT, the device performance was not affected. This

work has presented an alternative method to expand the sensing capability of OECT

based biosensors and can be viewed as a generalized biosensor technology platform

that is easy to be adapted to other biomolecule detection.

8.2 Experimental Details

8.2.1 Au Electrode and OECT Fabrication

The Au gate electrodes and OECTs were printed using Optomec Aerosol Jet 5X

3D printer on flexible polyimide (Kapton) substrates. The Au gate, source and

drain electrodes of OECT were printed using gold nanoparticle (Au NP) ink (UT

Dots, Inc.) which was deposited using the ultrasonic atomizer (UA). The printed Au

traces were annealed at 280℃ for 1 hour on a hotplate. The channel of OECT was

printed with UA using poly(3,4-ethylenedioxythiophene) polystyrene sulfonate (PE-

DOT:PSS) mixture consisted of 94% Heraeus Clevios™ PH-1000, 5% ethylene glycol

(EG), 0.1% dodecylbenzenesulfonic acid solution (DBSA) (70 wt.% in isopropanol),

and 1 wt.% (3-glycidyloxypropyl) trimethoxysilane (GOPS) (≥ 98%) and annealed in

an oven at 130℃ for 20 minutes. Finally, a layer of UV-curable polydimethylsiloxane

(PDMS) (Shin-Etsu Chemical Co., Ltd.) diluted by hexanes with volume ratio of

3:1 was deposited by the pneumatic atomizer (PA) to protect the metal traces from

shorting with the liquid electrolyte. The PDMS insulating layer was cured with UV

on-the-fly while printing and then post annealed at 130℃ for 30 minutes.
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8.2.2 Au Electrode Functionalization

Alkyne-NHC Au

Before functionalization, the printed Au gate electrodes were cleaned thoroughly with

acetone, isopropanol, ethanol, and deionized water, dried under nitrogen, and kept

under vacuum. The Au electrodes were fixed to the sidewall of a round bottom flask

using double sided Kapton tapes to ensure they were in place during the reaction

process. The functional groups were deposited by immersing the Au electrode in a

heated solution of the NHC ligand and potassium tert-butoxide dissolved in anhydrous

acetonitrile under nitrogen environment for 2 days. The functionalized electrodes

were cleaned with acetonitrile and dimethyl sulfoxide (DMSO) and fully dried under

vacuum for 4 hours. The deprotection of the terminal alkyne groups was carried out

by placing the Au electrodes in a solution of K2CO3 in methanol/THF (1:1) for 30

minutes. The resulting alkyne-NHC Au electrodes were cleaned with methanol and

dried under nitrogen.

Copper(I)-catalyzed alkyne-azide cycloaddition

Copper(I)-catalyzed alkyne-azide cycloaddition (CuAAC) was used to attach fluores-

cein and biotin to the alkyne-NHC functionalized Au electrodes. The click chemistry

was performed under ambient condition following the references [203, 204].

To verify the click chemistry reaction, azide-fluorescein was used to modify the

Au electrode, which can be then used to take fluorescence images after surface func-

tionalization. The reaction was carried out by mixing azide-fluorescein (1 equiv.),

copper(II) sulfate pentahydrate (Cu2SO4·5H2O) (2 equiv.), and L-ascorbic acid (L-

AA) (10 equiv.) in 20 mL ultrapure water in dark for 24 hours. After reaction, the

electrodes were rinsed multiple times and soaked in DI H2O for 1 hour to remove the

unreacted molecules. The functionalized electrodes were then dried using nitrogen

and kept in dark under vacuum before taking fluorescence images.

The immobilization of biotin was carried out by immersing the NHC functionalized
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Au electrodes in a solution of 1 equiv. azide-PEG7-biotin, 2 equiv. Cu2SO4·5H2O,

and 10 equiv. L-AA in 20 mL ultrapure H2O for 24 hours. The electrodes were then

rinsed and soaked in DI H2O for 1 hour to remove the unreacted molecules and dried

under nitrogen. The biotin functionalized electrodes were kept in a sample desiccator

before the measurements.

8.2.3 X-ray Photoelectron Spectroscopy (XPS) Characteri-
zation

XPS measurements were performed using a Kratos Axis (Ultra) spectrometer with

monochromatized Al Kα (hν = 1486.71 eV) and calibrated using the binding energy

(84.0 eV) of Au 4f7/2 with respect to Fermi level. The measurements were carried out

with an analysis chamber pressure lower than 5×10-10 Torr. A hemispherical electron-

energy analyzer with pass energy of 20 eV was used to collect core-level spectra, while

survey spectrum within binding energies ranging from 0 to 1100 eV was collected at

analyzer pass energy of 160 eV. Charge effects were corrected by using C 1s peak at

284.8 eV. A Shirley background was applied to subtract the inelastic background of

core-level peaks. Non-linear optimization using the Marquardt Algorithm (CasaXPS)

was used to determine the peak model parameters such as peak positions, widths, and

peak intensities. The peak fitting was based on a product of Gaussian and Lorentzian

functions. CasaXPS was used for component analysis to fit the high-resolution spectra

of C 1s and N 1s.

8.2.4 Fluorescence Imaging

The printed Au electrodes modified with fluorescein via click chemistry were imaged

a ChemiDoc™ MP gel imaging system with the samples immersed in 1xPBS solution

and the Alexa 488 filter.
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8.2.5 Electrochemical Measurements

The electrochemical measurements were conducted using a Gamry Reference 600+

potentiostat. All the measurements were performed at room temperature using a

standard three-electrode configuration where the modified printed Au electrode acting

as the working electrode, a Pt counter electrode, and an Ag/AgCl (in saturated

KCl) reference electrode were used. All the measurements were carried out in a

10 mL cell containing 5 mM K4Fe(CN)6/K3Fe(CN)6 aqueous solution with 100 mM

KCl supporting electrolyte. The cyclic voltammetry measurements were collected

by scanning between -0.2 and +0.7 V vs Ag/AgCl with a scan rate of 50 mV/s for

three cycles, and the third cycle was used for analysis. The EIS measurements were

obtained at the frequency range of 0.01 Hz to 100 kHz with 5 mV AC amplitude and

a DC potential at 0.3 V vs Ag/AgCl. Echem Analyst software was used to analyze

the data. The constant phase element (CPE) with diffusion equivalent circuit model

(as shown in Appendix B) was used for analyzing the impedance results.

8.2.6 Electrical Characterization and Measurements

All the electrical measurements of OECT were performed using a Keithley 2412B

sourcemeter and signatone micropositioner probes controlled by LabVIEW. 1xPBS

was used as the electrolyte for all the measurements. The transfer characteristics

were obtained by measuring the drain current (ID) under a constant drain bias (VD)

of -0.2 V and sweeping the gate voltage (VG) from -0.4 to 1.2 V.

Streptavidin (SA) and bovine serum albumin (BSA) proteins were dissolved in

1xPBS to 1 mg/mL solutions. For measuring the biotin-streptavidin binding, 50

µL of 1 mg/mL SA solution was placed onto the biotin-functionalized printed Au

electrode for 1 hour, and the electrodes were thoroughly washed with PBS and DI

water before any measurements. To test the selectivity of biotin-functionalized Au

electrode, it was immersed in 50 µL of 1 mg/mL BSA solution, thoroughly washed

with PBS and DI water, and used for electrochemical and OECT measurements.
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8.3 Results and Discussions

8.3.1 Printed Au Electrode Functionalization

Figure 8.1: (a) Photo of printed Au electrodes on Kapton substrate. (b) Microscope
image of a printed Au electrode. (c) Reaction schematic for depositing alkyne-NHC
onto Au surface.

Figure 8.1 (a) shows a photo of the printed Au electrodes used for NHC functional-

ization in this work, and a close up view of the printed Au electrode is shown in Figure

8.1 (b). The electrodes were designed as two 3 x 3 mm2 squares connected by a 300

µm wide Au trace and the overall length was 3 cm. Only one end of the electrode was

immersed in the ligand solution to control the area of functionalization and the other

Au pad was designed to ensure a good contact for electrochemical measurements.

The alkyne-NHC deposition reaction schematic is shown in Figure 8.1 (c). The Au

electrodes were immersed in the ligand solution to form tetramethylsilane (TMS) ter-

minated alkyne functionalized NHC groups. Then the TMS protection groups were

removed, and alkyne-NHC groups were left on the printed Au electrode surface. NHC

ligands were engineered with alkyne functional groups to facilitate biomolecule im-

mobilization through click chemistry. XPS and EIS measurements were performed on

the modified Au electrodes to verify the alkyne-NHC deposition. Figure 8.2 (a)-(d)

shows the XPS spectra for a blank Au film and an alkyne-NHC Au film. The central

117



Figure 8.2: (a) XPS analysis showing N 1s and (b) C 1s regions for blank Au with
peak at 400.0 eV and 284.4 eV, respectively. (c) XPS N 1s and (d) C 1s spectra for
alkyne-NHC Au sample with peak at 400.5 eV and 284.7 eV, respectively. (e) CV
and (f) EIS comparison of the blank Au sample and the alkyne-NHC functionalized
Au.

peak of N 1s spectrum for the blank Au film was detected at 400.0 eV, which is 0.5 eV

lower than the value measured for the alkyne-NHC modified Au film. Similarly, the
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C 1s peak for blank Au was centered at 284.4 eV, which is 0.3 eV lower than the C

1s peak observed for the alkyne-NHC modified Au film. These values are comparable

to the literature values of 400.45 eV for N 1s and 284.84 eV for C 1s [205]. The NHC

deposition on the printed Au electrodes was further verified with electrochemical

measurements. Both CV and EIS were performed on the same printed Au electrode

before and after alkyne-NHC functionalization. As shown in the CV (Figure 8.2 (e)),

the anodic current peak decreased from 115.7 µA to 104.3 µA, and the peak separa-

tion increased from 104.8 mV to 117.7 mV after the alkyne-NHC functionalization.

From the Nyquist plot (Figure 8.2 (f)), the impedance of the Au electrode increased

after functionalization. Therefore, both CV and impedance indicated that the NHC

was successfully deposited onto the printed Au surface. Additional evidence of NHC

deposition is present in appendix B.

Figure 8.3: Reaction schematic of Copper (I)-catalyzed alkyne-azide cycloaddition
(CuAAC).

Copper (I)-catalyzed alkyne-azide cycloaddition (CuAAC) was used for attaching

the biomolecules in this work, and the reaction schematic is shown in Figure 8.3.

The click chemistry reaction was first performed with azide-fluorescein. The reagents
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Figure 8.4: (a) Fluorescence images of blank Au, control Au, and fluorescein func-
tionalized Au electrodes. (b) CV and (c) EIS measurements of an alkyne-NHC Au
electrode before (red) and after(green) reacted with azide-fluorescein. (e) CV and (f)
EIS measurements of an alkyne-NHC Au electrode before (black) and after (blue)
biotin attachment and after streptavidin binding (red).

were added into a round bottom flask with 20 mL of ultrapure water and the Au

electrodes were immersed in the solution for 24 hours in dark under ambient con-

ditions. The control experiment was performed by immersing a blank Au electrode

along with the alkyne-NHC functionalized Au electrodes in the same solution. From
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the fluorescence images (Figure 8.4) taken for a blank Au electrode (left), a control

Au electrode (middle), and an alkyne-NHC modified Au electrode (right) after the

click reaction, it is observed that the azide-fluorescein molecules only attached to the

alkyne-NHC modified Au electrode as expected, and no fluorescence was observed

for the control or the blank Au electrode. The surface modification was further con-

firmed with CV and EIS. Figure 8.4 (b)-(c) shows the electrochemical measurements

of an alkyne-NHC Au electrode and a fluorescein Au electrode. After functionalizing

with fluorescein, the anodic peak current was reduced by 17.1 µA, the peak sepa-

ration increased by 70.4 mV, and the impedance also increased. Therefore, these

results are the evidence of fluorescein attaching to the Au electrode via the NHC

linker and click chemistry. To demonstrate the potential of using the alkyne-NHC

Au electrodes for biosensor development, azide-PEG7-biotin molecules were attached

via click chemistry. The same molarity ratio used for immobilizing fluorescein was

used for the biotin attachment. Electrochemical measurements were conducted for

the biotin modified Au electrode before and after streptavidin binding. As shown in

Figure 8.4 (d)-(e), the reduction in CV anodic peak amplitude, increase in the CV

peak separation, and a significant increase in the impedance indicated that the biotin

molecules were bound to the alkyne-NHC Au surface.

8.3.2 Streptavidin Detection

The modified Au electrodes were implemented as external gate electrodes for OECT

measurements. The OECTs used in this work were based on the optimized Au-

OECTs from chapter 5. The channel dimensions were optimized to be L = 100 µm

and W/L = 10. The measurement setup is shown in Figure 8.5 (a), the functionalized

Au electrode was placed next to an unmodified OECT, and both the channel and the

modified area of the gate electrode were fully covered by the electrolyte. The effects

of functionalization were analyzed by comparing the transfer curves measured after

each step of the modification using the same OECT device. 1xPBS was used as the
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Figure 8.5: (a) Photo of the measurement setup using a printed OECT with an exter-
nal functionalized Au gate electrode. (b) Transfer curves of an OECT measured with
a blank electrode and after it being functionalized with alkyne-NHC. (c) Transfer
curves of an OECT measured with an alkyne-NHC electrode and after biotin func-
tionalization. (d) Transfer curves of an OECT measured using the biotin modified
before and after incubated in 1 mg/mL BSA solution. (e) Transfer curves of an OECT
measured with an biotin electrode before and after incubation in streptavidin solu-
tion. (f) The average changes in the threshold voltage (∆VT ) extracted from transfer
curves measured using Au electrodes after biotin functionalization, BSA incubation,
and streptavidin binding.

electrolyte and a constant VD of -0.2 V was applied for all measurements. As shown

in Figure 8.5 (b), the transfer curve shifted to a lower VG after functionalizing with

alkyne-NHC. This shift in the transfer characteristic is because of the change in metal

work function after NHC functionalization[206], which changes the interfacial poten-

tial profile at the gate/electrolyte interface for the OECT measurement. After biotin

functionalization, a larger shift to the lower VG was observed in 8.5 (c). After 1 hour

incubation in BSA and SA solutions, the transfer curves shifted to higher VG. The

change after BSA incubation (Figure 8.5 (d)) is significantly lower than the change

observed after SA incubation (Figure 8.5 (e)). The change after BSA incubation is

likely due to non-specific adsorption of small amount of BSA molecules onto the Au
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surface. Whereas the change after SA incubation is attributed to biotin-SA binding

reaction. The change in the transfer characteristics is quantified by extracting the

threshold voltage (VT) from each measurement, and the difference of VT (∆VT) was

calculated. As shown in Figure 8.5 (f), the average ∆VT after biotin functionaliza-

tion, BSA incubation, and streptavidin binding are -307.7 ± 42.4 mV, 61.9 ± 41.1

mV, and 255.9 ± 120.0 mV, respectively. These results were extracted from measure-

ments of four different Au electrodes and each Au electrode was measured with three

different OECTs after each step of functionalization. There was a clear change due

to SA binding, which confirms the functionalization of Au electrodes via NHC based

functional groups.

8.4 Conclusion

In conclusion, we have demonstrated the modification of aerosol jet printed Au elec-

trodes with alkyne functionalized NHC and the detection of streptavidin-biotin bind-

ing by integrating the functionalized Au electrode with a printed OECT. Despite

the ubiquitous use of thiol-based functional groups for surface functionalization and

biomolecule immobilization, their rapid degradation under ambient conditions re-

mains a challenge. NHC forms strong and ultra-stable bond with transition metals

and may potentially be a better alternative to thiol-based ligands for surface func-

tionalization. Even though the alkyne-NHC ligand was synthesized for this work,

there are commercially available NHC products that could be directly used for facile

surface functionalization. Each step of the surface functionalization was observed as a

shift in the OECT transfer curve due to interfacial potential profile change within the

device. Since the gate functionalization process was completely isolated, the device

performance was well-preserved and could be used for multiple measurements and

for different electrodes to eliminate the effect of device variation. Hence, this work

provides a technology platform for biosensor development via transducer surface en-

gineering and is ready to be implemented for different biosensing applications.
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Chapter 9

Rapid SARS-CoV-2 Detection
Using Point-of-Care (POC)
Biosensor Based on Aerosol Jet
Printed OECT

9.1 Abstract

The continuous spread of COVID-19 poses a severe threat to public health. Rapid

screening of large groups helps to identify outbreaks and make adaptive decisions.

A convenient, accurate, and fast COVID-19 diagnosis tool is essential for containing

the outbreaks. Here, we report a point-of-care (POC) rapid COVID-19 diagnostic

tool that consists of a SARS-CoV-2 biosensor based on an organic electrochemical

transistor (OECT) and a custom designed data acquisition and processing circuit.

Our POC COVID-19 diagnostic tool detects SARS-CoV-2 antigens in less than 10

mins. The biosensor is produced by functionalizing the in-plane Au gate electrode

of a fully aerosol jet printed OECT with anti-SARS-CoV-2 antibodies. The OECT

based biosensor is capable of detecting various SARS-CoV-2 antigens in different test

solutions. Selective sensing of SASR-CoV-2 spike protein is achieved in PBS with a

detectable range of 1 fg/mL to 1 µg/mL. The OECT biosensor successfully detects

SARS-CoV-2 virus-like particles (VLPs) in cell culture medium with a sensitivity of

-45.7 ± 13.0 mV/dec. In addition, our POC COVID-19 diagnostic tool can be di-
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rectly used for testing clinical nasopharyngeal samples in universal transport medium

(UTM) and demonstrates an overall accuracy of 87.5% and correlation with sample

viral load. Hence, this POC COVID-19 diagnostic tool show promise for on-site and

at-home SARS-CoV-2 infection screening.

9.2 Introduction

The emergence of coronavirus disease 2019 (COVID-19), caused by severe acute respi-

ratory syndrome coronavirus-2 (SARS-CoV-2), remains a threat to public health and

the global economy. Efforts are being made to reduce the transmission through public

health interventions including physical distancing, face mask ordinances, isolation of

cases, and contact tracing [207, 208]. Rapid identification of SARS-CoV-2 infection

and case isolation is crucial for controlling the spread and mortality of COVID-19.

Currently, the real-time reverse transcription polymerase chain reaction (RT-PCR)

test of nasopharyngeal swab samples is the primary diagnostic method of COVID-19

[209–212]. RT-PCR demonstrates excellent sensitivity for viral detection; however, it

requires the use of sophisticated laboratory equipment and the testing process takes

approximately 3 hours including sample preparation. Considering the time required

for sample transportation, it may take several days and even a week for returning

the results to the patients. Hence, developing a sensitive and accurate point-of-care

(POC) diagnostic tool that directly targets the viral antigen and does not require

sample preparation is necessary for rapid mass population screening.

There has been increased research on developing rapid COVID-19 diagnostic tools,

such as graphene [213] and single-walled carbon nanotube [190] field-effect transistor

(FET) based biosensor, cell-based biosensor [214], aptamer sensor based on silicon (Si)

thin film transistor (TFT) [215], fluorescence immunochromatographic assay [216],

and electrochemical biosensor developed using electrode based on screen printed car-

bon [217], graphene [218, 219], Cu2O nanocubes modified screen printed carbon [220],

and carbon nanofiber modified screen printed electrode coated with cotton padding
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[221]. Among several potential approaches, biosensors based on nanomaterial FET

attached with antibody demonstrated promising high sensitivity for both samples in

buffer solution and clinical samples. However, due to fabrication limitations, mass

production of these devices remains a challenge.

Organic electrochemical transistor (OECT) based biosensors are promising method

for developing such POC devices for COVID-19 diagnosis. OECTs have excellent

properties for chemical and biological sensing applications, such as intrinsic ampli-

fication, low operation voltages, and compatibility with aqueous media. Numerous

studies have demonstrated that OECTs are capable of sensing various analytes such

as ions [111, 120, 123], molecules [16, 63, 65], and biomolecules [66–68, 88, 222, 223].

An OECT consists of metal source and drain contacts, an ion permeable conducting

polymer channel that is in direct contact with the electrolyte, and a gate electrode

that is also immersed in the electrolyte. The drain current is modulated by the

electrochemical doping/dedoping of the active channel material, which attributes to

the ion injection from the electrolyte driven by the gate voltage. In order to use

OECTs for COVID-19 diagnosis, either the gate or the channel surface could be

modified with the antibodies that target SARS-CoV-2. It has been demonstrated in

other studies that using functionalized OECTs, the antibody-antigen binding events

could be detected [67, 69, 88, 224, 225]. Guo et al. have demonstrated the use of

nanobody-functionalized OECT for rapid single molecule detection of COVID-19 and

MERS antigens [226]. In addition, OECTs can be fabricated by conventional micro-

fabrication techniques, and they are also compatible with low temperature processing

techniques such as inkjet printing [101, 224, 227], screen-printing [40, 97], 3D print-

ing [103, 104, 123], and aerosol jet printing [63, 105]. Printing techniques offer the

benefits of easy design modification, reduced manufacturing cost, and the possibility

of production using continuous large-scale roll-to-roll processing. Therefore, OECT is

an excellent candidate for low-cost disposable biosensors for a POC diagnostic device.

Here, we present a POC COVID-19 diagnostic device that is based on aerosol jet
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printed OECTs functionalized with SARS-CoV-2 spike S1 antibody and a custom-

made data processing circuit. The OECTs were printed on flexible Kapton substrate

using commercially available gold nanoparticle (AuNP) ink for the source, drain and

gate contacts, poly(3,4-ethylenedioxythiophene) polystyrene sulfonate (PEDOT:PSS)

as the channel, and polydimethylsiloxane (PDMS) as the insulator. SARS-CoV-2

spike S1 antibodies were immobilized onto the printed Au gate electrode via self-

assembled monolayer (SAM) of 3,3’-Dithiodipropionic acid di(N-hydroxy succinimide

ester) (DSP). Our OECT based SARS-CoV-2 sensor shows selectivity towards the tar-

get spike protein with a limit of detection (LOD) of 1 fg/mL. Moreover, our OECT

based POC COVID-19 diagnostic device has demonstrated potentials for clinical ap-

plication by direct detection of the nasopharyngeal swabs sample suspended in uni-

versal transport medium (UTM). This is a simple and cost-effective platform that

opens new opportunities for the development of rapid SARS-CoV-2 detection and is

also potentially applicable to a wide range of diagnoses.

9.3 Experimental Details

9.3.1 Materials and Reagents

10x Phosphate buffer saline (PBS) stock solution, bovine serum albumin (BSA),

dimethyl sulfoxide (DMSO), Tris base, Dulbecco’s Modified Eagle Medium (DMEM),

Invitrogen™ Zip Alexa Fluor™ 647 rapid antibody labeling kit, and Molecular Probes™

Alexa Fluor™ 488 hydrazide was purchased from Fisher Scientific. 10x PBS was di-

luted to obtain 1xPBS solution (pH = 7.4) using ultrapure water. 1 M Tris-HCl solu-

tion was prepared by dissolving Tris base in ultrapure water and the pH was adjusted

to 7.5 using concentrated HCl. 3,3’-Dithiodipropionic acid di(N-hydroxysuccinimide

ester) (DSP) was purchased from Sigma Aldrich. Recombinant SARS-CoV-2 spike

S1 antibody (1 mg/mL) and SARS-CoV-2 spike subunit 1 (S1) protein (His tag) were

purchased from antibodies-online Inc. SARS-CoV-2 spike S1 antibody was diluted to
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250 µg/mL with 1xPBS solution. SARS-CoV-2 spike S1 protein was first dissolved

in ultrapure water and diluted to different concentrations (1 fg/mL to 1 µg/mL)

in 1xPBS containing 0.1% BSA suggested by the datasheet. Human coronavirus

HKU1 (HCoV-HKU1) spike S1 protein (S1 subunit, His tag) and middle east respi-

ratory syndrome coronavirus (MERS-CoV) spike S1 Protein (S1 Subunit, aa 1-725,

His tag) were purchased from SinoBiological and diluted to different concentrations

in 1xPBS containing 0.1% BSA. SARS-CoV-2 virus like particles (VLPs) in DMEM

were purchased from Virongy. The VLPs solution was diluted using PBS for the

measurements.

9.3.2 OECT Fabrication

OECTs were fabricated using the Optomec Aerosol Jet 5X 3D printer with com-

mercially available materials. Gold nanoparticle (Au NP) ink (UT Dots, Inc.) was

deposited onto a Kapton HN film to form source, drain, and gate electrodes and all

the metal interconnects and annealed at 280℃ for 1 hour. The printed Au traces have

an average thickness of 584 nm and an average resistivity of 8.32 x 10−6Ω-cm. The

channel of OECT was printed using poly(3,4-ethylenedioxythiophene) polystyrene

sulfonate (PEDOT:PSS) mixture composed of 94% Heraeus CleviosTM PH 1000, 5%

ethylene glycol (EG), 0.1% dodecylbenzenesulfonic acid solution (DBSA) (70 wt. %

in isopropanol), and 1wt. % (3-glycidyloxypropyl) trimethoxysilane (GOPS) (≥98%)

and annealed at 130℃ for 20 minutes. Finally, a 1.05 µm thick layer of UV-curable

polydimethylsiloxane (PDMS) (Shin-Etsu Chemical Co., Ltd.) was printed to passi-

vate the metal traces, acting as an insulating layer to prevent shorting from the liquid

electrolyte. The PDMS insulating layer was cured with UV on-the-fly while printing

and then annealed at 130℃ for 30 minutes. The PDMS reservoirs were made using a

3D printed plastic mold and the SYLGARD™ 184 Silicone Elastomer Kit with a mix

ratio of 10:1 and cured at 80℃ in an oven overnight. Then the wells were removed

from the mold and cleaned with IPA and dried. To attach the PDMS well, a thin
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layer of the SYLGARD PDMS was applied on the bottom of the well. The well was

then placed on top of the OECT and baked at 80℃ in an oven for 2 hours.

9.3.3 SARS-CoV-2 Antibody Immobilization

To attach the SARS-CoV-2 spike S1 antibody onto a printed gold gate electrode sur-

face, chemisorption technique using a self-assembled monolayer (SAM) was adopted.

First, the printed OECT was cleaned with acetone, isopropanol (IPA), ethanol, and

deionized (DI) water thoroughly and dried under nitrogen. 10 mM DSP solution

was prepared freshly before each reaction using DMSO. The DSP solution was added

onto the gate electrode surface using a micropipette and left at room temperature for

30 minutes. Then, the device was rinsed thoroughly with DMSO and DI water and

dried under nitrogen. The SARS-CoV-2 spike S1 antibody solution (250 µg/mL in

PBS) was immediately added to the DSP modified gate electrode and left for 2 hours

under ambient conditions. After the antibody immobilization, the device was rinsed

several times with 1xPBS and DI water to remove the non-specific adsorption and

the reaction by-products. Lastly, the device was immersed in 1 M Tris-HCl buffer

(pH = 7.5) for 20 mins to quench the un-reacted DSP, and the device was washed

again with DI water and 1xPBS. The functionalized OECTs were stored in 1xPBS

solution at 4℃.

9.3.4 FTIR Characterization

Attenuated total reflection Fourier transform infrared (ATR-FTIR) spectra were col-

lected using a Thermo Nicolet iS50 FTIR spectrometer. The absorbance was obtained

for a wavenumber range of 4000 - 400 cm-1 with a scan resolution of 4 cm-1 and 128

scans for each measurement. FTIR samples were prepared using printed Au films

with the same procedure described for OECT functionalization. The film modified

with DSP SAM was measured immediately after the preparation.
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9.3.5 Fluorescence Characterization

The fluorescence samples were prepared using the printed Au films (5 x 5 mm2).

Alexa Fluor 488 hydrazide was dissolved in 1xPBS to achieve a final concentration of

1 mM. 100 µL of SARS-CoV-2 antibody conjugated with Alexa 647 fluorophore was

prepared following the quick reference provided by Thermo Fisher Scientific. The Au

film functionalization procedure is similar to the OECT functionalization. Briefly,

after modifying the films with DSP SAM, 30 µL of 1 mM Alexa 488 hydrazide and 30

µL of Alexa 647 labeled SARS-CoV-2 antibody solution was dispensed onto separate

Au films for 2 hrs. Fluorescence images were taken using ChemiDoc™ MPGel Imaging

System with the samples covered with 1xPBS solution and the filters Alexa 488 and

Alexa 647.

9.3.6 Cyclic Voltammetry

Cyclic voltammetry (CV) was performed using a standard three-electrode setup with

0.09 cm2 printed Au electrode on Kapton substrate as the working electrode, a plat-

inum counter electrode, and Ag/AgCl reference electrode (saturated with KCl). The

measurements were carried out in an aqueous electrolyte containing 5 mM ferro/fer-

ricyanide and 100 mM KCl. The CV was scanned between -0.2 to 0.5 V vs Ag/AgCl

at a rate of 50 mV/s. For each sample, CV was collected for three cycles and the last

cycle was used for analysis.

9.3.7 Electrical Measurements and Characterization

The electrical characteristics of the printed OECTs were measured using a dual chan-

nel Keithley 2612B sourcemeter controlled via a customized LabVIEW program. The

output characteristics and transfer curves were obtained using 1xPBS solution as the

electrolyte before the gate functionalization. The transfer curve measured in 1xPBS

after antibody immobilization was used as the baseline before the addition of spike

protein or VLP solution. The functionalized OECT was measured after incubating
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with sample solutions for 3-5 minutes before the transfer characteristic measurement.

The transfer curve was measured by biasing the drain voltage (VD) at -0.4 V and

sweeping the gate voltage (VG) from -0.4 V to 1.1 V with a step size of 0.05 V.

The threshold voltage (VT) was extracted based on the linear extrapolation method

and calculated from the transfer curve by finding the maximum slope for the curve

and adding VD/2 to the extrapolated x-intercept (ID = 0) [145].

Testing of clinical samples containing SARS-CoV-2 was conducted in Provincial

Laboratory for Public Health (ProvLab) at the University of Alberta using the OECT

based biosensors and the custom designed circuit board. The samples were nasopha-

ryngeal swabs suspended in universal transport medium (UTM) and verified with

real-time reverse transcription polymerase chain reaction (RT-PCR) with a cycle

threshold (Ct) cutoff of 38.00 cycles for COVID-19 positive result.

9.4 Results and Discussions

Figure 9.1: Schematic of the POC diagnostic device showing the printed OECT based
SARS-CoV-2 biosensor and the block diagram for the circuit components.

Figure 9.1 shows an overall schematic of the OECT based POC COVID-19 diag-
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nostic tool developed for this work. The detection of SARS-CoV-2 was achieved by

sensing the antibody-antigen interaction using a functionalized OECT. The OECT

consisted of Au source, drain and gate electrode and PEDOT:PSS channel. The

gate electrode was functionalized with SARS-CoV-2 antibodies using a self-assembled

monolayer of DSP. The chemical reaction involved in the surface functionalization and

antibody immobilization is shown in Figure 9.2 (a). This reaction utilizes the func-

tional group N-hydroxysuccinimde (NHS) ester that reacts with the primary amine

groups on the target biomolecule to form a stable amide bond [228]. The Au surface

was first immersed in DSP solution to form active ester groups on the surface via

Au-S bonds and then immersed in buffer solution to attach the antibodies to the

surface [195]. Several methods were used in this study to verify the chemisorption

reactions. ATR-FTIR spectra were obtained for the printed Au films conjugated

with DSP molecules only and anti SARS-CoV-2 antibodies via the DSP molecules.

As shown in Figure 9.2 (b), for the sample with antibodies, two distinctive peaks

are observed at ∼1658 cm-1 and ∼1548 cm-1 that are corresponding to amide I and

amide II bond, respectively [69, 151, 229]. Fluorescence imaging also provides com-

plementary evidence about the covalent coupling of antibodies to the gold surface.

Figure 9.2 (c) shows the fluorescence images of an unmodified printed Au film, a

printed Au film with Alexa 488 fluorophore attached via DSP linker, and a printed

Au film conjugated with Alexa 647 fluorophore labeled SARS-CoV-2 antibodies by

DSP SAM. CV of ferro/ferricyanide has been used as a conventional method to mon-

itor the characteristics of a modified electrode [230]. Figure 9.2 (d) shows the CV

plots of a printed Au film before functionalization, after antibody immobilization,

and after binding with the antigen. The antibody conjugation was indicated by the

peak current decrease and peak separation increase. These results confirmed that

the antibodies were covalently bound to the printed Au surface by the DSP linker.

By functionalizing the gate electrode of an OECT with SARS-CoV-2 antibody using

this method, the SARS-CoV-2 antigens can be recognized, and the antibody-antigen
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reaction changes the surface potential of the gate electrode, which results in a shift

in the transfer characteristics of the OECT [68, 69].

Figure 9.2: (a) Reaction schematic for antibody functionalization. (b) Infrared spec-
tra of Au thin film modified with DSP SAM (black line) and Au thin film modified
with SARS-CoV-2 antibody via DSP linker. (c) Fluorescence images of a unmodified
printed Au film (left), a printed Au film linked with fluorophore Alexa 488 using DSP
SAM (middle), and a printed Au film functionalized with SARS-CoV-2 antibodies
labelled with Alexa 647. (d) CV of a printed Au electrode before functionalization
(black) , after antibody (Ab) functionalization (red), and after immersed in 1 µg/mL
Spike protein solution (blue).
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The initial SARS-CoV-2 detection was carried out using OECT with channel di-

mensions of W/L = 10, L = 100 µm, and gate size = 1 mm2 as shown in Figure

9.3 (a). The initial antigen sensing was conducted by measuring the ID change under

constant voltage bias and consecutive addition of SARS-CoV-2 spike protein solutions

with increasing concentrations. As shown in Figure 9.3 (b), there is no significant

change observed in ID for spike protein concentration lower than 100 µg/mL. Hence,

the standard measurement technique used for developing glucose sensor in chapter

7 could not be directly used, and OECT geometry optimized was first conducted to

select the device with desired sensing performance.

Nine printed Au-OECTs with similar channel thickness of 780 nm and different

channel widths-to-length ratios(W/L = 1, 2, and 5) and gate sizes (Agate = 1, 4,

and 9 mm2) were functionalized with the SARS-CoV-2 antibody under the same

conditions as mentioned in the experimental details. Then they were measured with

SARS-CoV-2 spike S1 protein solutions with increasing concentrations. Figure 9.4

shows the transfer curves collected for each device after incubation with different

Figure 9.3: (a) Optical microscope image of an aerosol jet printed OECT with channel
dimensions of L = 100 µm, W/L = 10, and gate size = 1 mm2.(b) Real-time ID
response of an OECT with SARS-CoV-2 functionalized gate to the addition of SARS-
CoV-2 spike protein solutions in PBS under constant biases (VG = 0.6 V and VD =
-0.6 V).
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concentrations of SARS-CoV-2 S1 protein solutions. It can be observed from Figure

9.4 (a)-(c) that the OECTs with a gate size of 1 mm2 did not show consistent changes.

This is likely due to the small gate size which did not have a sufficient amount of

antibodies attached. For OECTs with a gate size of 4 mm2, only the device with W/L

= 2 showed consistent shifts in the transfer curve as the S1 protein concentration

increases as shown in Figure 9.4 (d)-(f). Figure 9.4 (g)-(i) shows the transfer curves

for OECTs with gate size of 9 mm2. In this case, all three devices showed consistent

Figure 9.4: Transfer curves of OECTs with functionalized gate and different device
dimensions (a) W/L = 2 and gate size = 1 mm2, (b) W/L = 5 and gate size = 1
mm2, (c) W/L = 10 and gate size = 1 mm2, (d) W/L = 2 and gate size = 4 mm2,
(e) W/L = 5 and gate size = 4 mm2, (f) W/L = 10 and gate size = 4 mm2, (g) W/L
= 2 and gate size = 9 mm2, (h) W/L = 5 and gate size = 9 mm2, and (i) W/L =
10 and gate size = 9 mm2. The curves were collected after incubating with increase
concentration of SARS-CoV-2 S1 protein solutions.
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Figure 9.5: Semi-logarithmic plot of average shift in threshold voltage (∆VT) as a
function of spike protein concentration for devices with dimensions of (a) W/L = 10
and gate size = 4 mm2, (b) W/L = 2 and gate size = 9 mm2, (c) W/L = 5 and gate
size = 9 mm2, and (d) W/L = 10 and gate size = 9 mm2.

shifts towards higher VG as the S1 protein concentration increased.

The shift in the transfer curves of the four working devices was then extracted

as the change in the threshold voltage (∆VT) and plotted against the S1 protein

concentration as shown in Figure 9.5. A logarithmic dependence of ∆VT on the S1

protein concentration is observed and the slope was extracted for sensitivity analysis.

Devices with a gate size of 9 mm2 show higher sensitivities compared to the device

with a gate size of 4 mm2. For the OECTs with a gate size of 9 mm2 and different

W/L, it can be observed from Figure 9.5 (b)-(d) that the slope of the curve increases

as the device W/L increase. Since transconductance is proportional with W/L as
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Table 9.1: OECT geometry optimization for SARS-CoV-2 sensing

Gate size [mm2] W/L gm,max (VD =
-0.4 V)

Sensitivity
[mV/dec]

1 2 0.99 N/A

1 5 3.26 N/A

1 10 5.58 N/A

4 2 1.42 N/A

4 5 3.60 N/A

4 10 6.59 -14

9 2 2.91 -21

9 5 4.85 -20

9 10 6.13 -25

observed in chapter 5, higher W/L results in higher sensitivity.

The device dimension and their sensitivity are listed in Table 9.1. Based on the

device geometry optimization, a larger gate area is required to ensure an adequate

amount of antibody is immobilized onto the gate, and a higher W/L is preferred to

increase the sensitivity. Therefore, the OECTs with gate size of 9 mm2 and W/L =

10 were selected for developing the SARS-CoV-2 biosensor.

Figure 9.6 (a) is an optical microscope image of the OECT with optimized dimen-

sion for developing the SARS-CoV-2 biosensor. The device dimensions were optimized

to a channel length of 100 µm, a channel width-to-length ratio (W/L) of 10, and a

gate size of 9 mm2 in order to achieve desired device performance with an adequate

amount of antibody immobilization. The output and transfer characteristics and the

transconductance curves of an unfunctionalized OECT measured using PBS as the

electrolyte are shown in Figure 9.6 (b)-(d). These devices demonstrated typical p-type

depletion mode device behaviors that are expected for PEDOT:PSS based OECTs.

As a small polarizable gate electrode was used, a higher gate voltage was needed to
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Figure 9.6: (a) Optical microscope image of an aerosol jet printed OECT with channel
dimensions of L = 100 µm, W/L = 10, and gate size = 9 mm2. (b) I-V characteristics
of the OECT measured using 1xPBS as the electrolyte. (c) Transfer characteristics
of the OECT measured under different drain biases. (d) The corresponding transcon-
ductance curves extracted from the transfer characteristics.

turn the device off fully. However, the maximum transconductance still occurred at

a gate voltage smaller than 1 V, which is within the stability window of water.

The detection of antigen was performed by measuring the transfer curve of the

functionalized OECT at a fixed drain bias of -0.4 V. Figure 9.7 (a) shows the transfer

characteristics of an OECT measured before and after SARS-CoV-2 antibody func-

tionalization in 1xPBS solution, demonstrating a clear shift to the lower VG. The

performance of the functionalized OECTs was first verified using the SARS-CoV-2

spike S1 protein antigen. The transfer characteristics were acquired after incubat-

ing the OECT in SARS-CoV-2 spike S1 protein solution with concentrations ranging
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Figure 9.7: (a) Transfer characteristics (ID vs VG) of a printed OECT measured in
1xPBS before and after SARS-CoV-2 functionalization on gate electrode. The device
was biased VD = -0.4 V and VG from -0.4 V to +1.1 V with a step size of 0.1 V.
(Continued on the following page.)
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(Continued from the previous page.) (b) Transfer characteristics of a functionalized
OECT measured after being incubated in increasing concentration of SARS-CoV-2
spike S1 protein solution. (c) Transfer characteristics of a functionalized OECT mea-
sured after incubation in increasing concentration of HCoV-HKU1 spike S1 protein
solution. (d) Transfer characteristics of a functionalized OECT measured after in-
cubation in increasing concentration of MERS-CoV spike S1 protein solution. (e)
Semi-logarithmic plot of average shift in threshold voltage (∆VT) as a function of
spike protein concentrations. Functionalized OECTs showed negligible change to the
increase of HCoV-HKU1 and MERS-CoV spike protein concentrations and logarith-
mic dependence to the increase SARS-CoV-2 spike protein concentrations with an
average slope of -11.5 mV/dec. Error bar represents the standard deviation.

from 1 fg/mL to 1 µg/mL for a short period. It can be observed from Figure 9.7

(b) that the transfer curve shifted to higher VG as the concentration of spike pro-

tein solution increases. The selectivity tests were carried out with HCoV-HKU1 and

MERS-CoV spike S1 proteins in the same manner as the measurement for SARS-

CoV-2 spike protein. Figure 9.7 (c)-(d) shows the transfer curves of the functional-

ized OECTs measured with HCoV-HKU1 and MERS-CoV spike S1 protein solutions,

respectively. The functionalized OECTs showed negligible responses in both cases.

To analyze the sensor performance, the average net shift in the transfer curves was

extracted by extrapolating the threshold voltage shift (∆VT) and plotted against the

logarithmic concentrations of spike S1 protein solution of SARS-CoV-2, MERS-CoV,

and HCoV-HKU1 as shown in Figure 9.7 (e). A logarithmic correlation between ∆VT

and SARS-CoV-2 spike protein concentration is observed with a slope of -11.5 ± 2.4

mV per decade (mV/dec) (n = 5). Whereas for HCoV-HKU1 and MERS-CoV spike

proteins, the slopes are -4.6 ± 0.8 mV/dec and -1.7 ± 1.0 mV/dec. These results

indicated that the OECT based biosensor with the functionalized gate electrode is

sensitive and selective to SARS-CoV-2 spike protein.

To further verify whether the OECT based sensors could detect the SARS-CoV-2

virus, we conducted measurements using SARS-CoV-2 virus like particles (VLPs).

The VLPs were suspended in Dulbecco’s modified eagle medium (DMEM), which

contains various reagents that may cause competing reactions; therefore, we first
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Figure 9.8: (a) Transfer curves of an unfunctionalized OECT measured with different
dilutions (106x to 1x) of DMEM in PBS. No significant change in ID was observed
for the DMEM dilution range of 106 to 103. (b) Transfer curves of a functionalized
OECT measured with different dilutions (106x to 103x) of DMEM in PBS showing
negligible change in ID. (c) Transfer curves of a functionalized OECT measured with
different dilutions (106x to 103x) of VLP in PBS. (d) Semi-log plot of average ∆VT

plotted with respect to VLP dilutions. A slope of 45.7 ± 13.0 mV/dec (n = 5) is
observed. Error bar represents the standard deviation.

measured the transfer curves of an unfunctionalized OECT using DMEM diluted

using PBS into different concentrations (106x dilution to undiluted) as shown Figure

9.8 (a). There is nearly no change in the transfer characteristics measured with

PBS and DMEM dilution of 106x to 103x, and more significant shifts to lower VG

were observed for DMEM dilution ranging from 100x to 1x. Hence, we selected the

DMEM dilutions ranging from 106x to 103x and tested the effect on OECTs with

functionalized gate electrode. As shown in the transfer characteristics in Figure 9.8
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Figure 9.9: (a) Photograph of the POC COVID-19 diagnostic tool integrated with
fully custom designed circuit and an OECT functionalized with SARS-CoV-2 Spike S1
antibody as the disposable biosensor. (b) Scattered plots showing the input current
sourced by Keithley and the calculated current reading from the ADC results coincide
with each other. (c) Photograph of an aerosol jet printed OECT based SARS-CoV-2
biosensor. (d) Comparison of the transfer curve obtained by the signal processing
circuit to the one obtained by Keithley sourcemeter. (Continued on the following
page.)
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(Continued from the previous page.) The plots are the average of four measurements
collected from each system, and the error bar represents the standard deviation. (e)
Circuit collected transfer characteristics of a functionalized OECT measured after
being incubated in increasing concentration of SARS-CoV-2 spike S1 protein solu-
tion. (f) Semi-logarithmic plot of ∆VT as a function of spike protein concentration
extracted from the transfer curves collected using the data processing circuit.

(b), as expected, the transfer characteristics remained nearly identical for 1xPBS and

the selected DMEM dilution range. Therefore, the same dilution range from 106x to

103x of SARS-CoV-2 VLPs was used to eliminate the effect from DMEM. Similar to

the spike protein test, the OECT was first incubated in VLP solution for 3 minutes,

and the transfer curve was acquired for biasing VD = -0.4 V and sweeping VG from

-0.4 V to 1.1 V. The transfer curve shifted to higher VG as the concentration of VLP

increased as shown in Figure 9.8 (c), and this was the same trend observed for the

spike protein detection. A logarithmic dependence of ∆VT to the VLP dilution was

observed with an average slope of -45.7 ± 13.0 mV/dec (n = 5) as shown in Figure

9.8 (d). These results confirmed that the printed OECT with antibody functionalized

gate can be used for SARS-CoV-2 virus detection.

Figure 9.9 (a) shows a photo of the OECT based POC COVID-19 diagnostic device.

The schematic diagram of the custom designed data acquisition and processing circuit

is shown in Appendix C. We utilized an Atmel ATmega328P microcontroller and a

Texas Instruments ADS124S08 24-bit delta-sigma (∆-Σ) analog-to-digital converter

(ADC) as the core of our system. To integrate the OECT as the sensor, the VD

was biased at a constant voltage of -0.4 V using a voltage regulator, and the VG was

stepped through 0 – 1.121 V using an 8-bit digital to analog converter (DAC) with a

step size of approximately 49 mV. As the OECT sensor relies on the change of ID for

SARS-CoV-2 detection, a transimpedance amplifier (TIA) was used to first convert

the current signal into a voltage, VId. The feedback resistor (Rgain) was selected based

on the OECT ID magnitude measured using the Keithley sourcemeter to ensure that

the converted voltage would be within the input voltage range of the 24-bit ∆-Σ
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Figure 9.10: Blank UTM testing using aerosol jet printed OECT. Normalized ID vs
VG curve averaged over three consecutive measurements with (a) less than 1 min
waiting time, (b) 3 mins waiting time, and (c) 5 mins waiting time between each
measurement. The error bar represents the standard deviation in this case.

ADC and finely resolved for the threshold voltage extraction. Both VG and VId were

measured by the ADC for each step of VG, and the raw ADC data was then transferred

by the central microcontroller to an Openlog datalogger and saved on a microSD

card. The TIA and ADC were characterized in the lab using a Keithley sourcemeter

to validate their output response. The calibration curves for the TIA and ADC

demonstrated excellent linearity with a coefficient of determination R2 = 1 as shown

in Appendix C. As shown in Figure 9.9 (b), the current values calculated from the raw

ADC data match with the input current values measured with Keithley. To connect

the OECT to the circuit, an upper-contact zero insertion force (ZIF) flat flexible
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Table 9.2: COVID-19 test results of clinical samples acquired by PCR and OECT
based diagnostic tool.

Biosensor
ID

PCR
Results

PCR Ct
[cycles]

∆VT [mV] Biosensor
Results

D1 Negative - -3.88 Negative

D3 Negative - -17.60 False Positive

C2 Negative - -4.55 Negative

E1 Negative - -8.15 Negative

E3 Negative - -27.24 Defective

D2 Positive 23.46 -15.50 Positive

C1 Positive 26.23 -1.11 Defective

B3 Positive 26.87 -16.09 Positive

E2 Positive 36.00 -14.26 Positive

C3 Positive 14.67 -20.76 Positive

connector (FFC) was used. Due to the limited mating cycles of ZIF connectors,

we have designed the connector on a separate breakout board for easy replacement,

and this also helps to isolate the sensor from the other circuit components to avoid

contamination and damage. This breakout board is connected to the circuit through

standard friction-fit push-pull female and male pin headers. We designed and 3D

printed the enclosure for the circuit using a Markforged Mark Two 3D printer with

nylon filaments. Figure 9.9 (c) shows an OECT biosensor designed for the circuit,

the contact traces for the FFC were printed using the same Au NP ink, the Kapton

substrate was cut to a smaller size and attached to a glass substrate for handling

convenience, and a PDMS reservoir was attached to the OECT for containing the

testing solution. To further verify the circuit performance, we measured the transfer

curves of the same OECT using both the signal processing circuit and the Keithley

sourcemeter. As illustrated in Figure 9.9 (d), the transfer curves collected using the

two systems for the same OECT nearly coincide, demonstrating no change in the
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sensor performance with the circuit. We also performed the SARS-CoV-2 spike S1

protein detection using a functionalized OECT with the circuit. The transfer curves

and the corresponding ∆VT extracted from these measurements are shown in Figure

9.9 (e)-(f). The shifts in the transfer curves and slope were within the range of the

measurements obtained from the Keithley sourcemeter. Therefore, the circuit has

sufficient precision for the desired purposes.

Figure 9.11: (a) ∆VT of clinical samples collected using the OECT based SARS-
CoV-2 sensor and the custom designed signal processing circuit board. The cut-
off threshold voltage change, ∆VT,cutoff, was selected as -10 mV for SARS-CoV-2
positive samples. Device C1 and E3 were defective and their transfer curves before
and after functionalization were shown in Appendix C. (b) ∆VT collected by the
OECT based biosensors plotted against the cycle threshold (Ct) measured by PCR
for the 5 COVID-19 positive samples showing the correlation between ∆VT and the
sample viral load.

We then prepared to use the developed POC COVID-19 diagnostic tool for clinical

sample testing. As the clinical collected nasopharyngeal samples are normally kept in

UTM, before testing the clinical samples, we measured OECTs with blank UTM to

check if there is any interference due to it. The transfer curves of OECTs were mea-

sured using blank undiluted UTM with different waiting intervals (<1 min, 3 mins,

and 5 mins) in between consecutive measurements. The normalized ID vs VG averaged

over three consecutive measurements for each case is shown in Figure 9.10 (a)-(c).

It can be observed that with 3 and 5 minutes waiting time, the deviation between

the measurements has greatly reduced indicating that with long enough waiting time
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the OECT can be directly used with undiluted UTM. In order to use this platform

for SARS-CoV-2 sensing, the system has been designed and programmed such that

for the test cycle of each disposable biosensor, a blank test will first be performed

to determine the baseline, and then the second transfer curve will be collected after

incubating the sample for 5 mins. For each step, a message will prompt on the LCD

screen to guide the user. One test cycle, including the baseline measurement and the

sample incubation period, takes less than 10 mins. The sensor will be disposed after

one test cycle. A total of 5 PCR COVID-19 positive samples and 5 PCR COVID-19

negative samples were tested using our COVID-19 diagnostic tool with 10 disposable

SARS-CoV-2 biosensors. All clinical samples were nasopharyngeal swabs suspended

in UTM without further dilution. The sample COVID-19 results collected by PCR

and our OECT based biosensors are listed in Table 9.2. Figure 9.11 (a) shows the

results of the measured clinical samples using a ∆VT, cutoff of -10 mV. C1 and E3 were

defective devices as observed from their transfer curves in Appendix C. For device

C1, the transfer curve were almost identical before and after antibody immobilization,

which indicated that the functionalization has not worked for this device. Whereas

for device E3, the magnitude of drain current had decreased more than 3-fold, and

this may be caused by accidental damage during device handling. Hence, the results

of C1 and E3 were excluded in the accuracy analysis. 7 out of 8 samples were ac-

curately detected using the selected cut-off voltage. Hence, for preliminary clinical

sample testing, we obtained an overall testing accuracy of 87.5%. In PCR test, Ct is

the parameter that correlates with sample viral load. A lower Ct value indicates that

the sample initially contains more viruses than the sample with a higher Ct value.

As shown in Figure 9.11 (b), ∆VT extracted from OECT based biosensors are plot-

ted with respect to the Ct values obtained from the PCR test for the 5 COVID-19

positive samples, and an increase in the ∆VT value is observed as the sample viral

load increases.With the limited numbers of COVID-19 patient samples being tested,

our OECT based SARS-CoV-2 biosensors have demonstrated the capability of indi-
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cating sample viral load. The preliminary clinical sample testing has demonstrated

that there is a potential to use our POC COVID-19 diagnostic tool for determin-

ing SARS-CoV-2 infection and measuring viral load. As reported in other studies,

SARS-CoV-2 viral load is associated with the infectivity and severity of the illness

and can be used to evaluate the disease progression [231–234]. Recently, Merck and

Ridgeback Biotherapeutics has released the clinical trial results of the experimental

orally administrated antiviral drug – Molnupiravir for mild or moderate COVID-19

patients who had initial onset of COVID-19 symptoms for ≤ 5 days. The clinical

data has shown that Molnupiravir reduced the risk of hospitalization or death by ap-

proximately 50% as compared to placebo. Our OECT based SARS-CoV-2 biosensors

may be used to identify the stage of infection and aid to identify suitable treatments

for patients [235, 236]. However, a more extensive study of testing various clinical

samples is required to confirm our OECT SARS-CoV-2 biosensor performance and

the association with the sample viral load.

9.5 Conclusion

In conclusion, a rapid POC COVID-19 diagnostic device was developed. The biosen-

sor was based on aerosol jet printed OECTs with SARS-CoV-2 antibody conjugated

to the gate surface. These biosensors demonstrated selectivity towards SARS-CoV-2

spike protein with a low concentration of 1 fg/mL in PBS. They were also capable

of detecting VLPs with a sensitivity of -45.7 ± 13.0 mV/dec. Moreover, the rapid

POC COVID-19 diagnostic device was used to test undiluted clinical nasopharyngeal

swab samples suspended in UTM and the preliminary results demonstrated an overall

accuracy of 87.5%. The testing takes less than 10 mins and does not require sample

preparation or labeling steps. Rapid biosensing devices with high sensitivity and ac-

curacy are important tools for controlling the spread of the SARS-CoV-2 and are in

high demand during the pandemic. The rapid POC diagnostic system developed in

this study is portable and user-friendly. It could be easily translated to real-world on-
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site or at home detection. Such system is a facile technology platform for developing

sensors for detecting other target biomolecules in the future.
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Chapter 10

Summary and Future Works

In this thesis, various biosensors were developed based on OECTs fabricated by

printing techniques. I started with optimizing the material printing and annealing

conditions, sequentially geometry optimization of printed OECTs, towards ion and

molecule sensing using unfunctionalized OECTs, and then device modifications and

optimization for specific biosensing applications. This work has demonstrated the

versatility of OECT for biosensing applications. We have shown that OECTs are

compatible with different fabrication techniques and can be modified using various

approaches to achieve selective sensing for the target analytes. Therefore, OECTs

are a promising candidate for next-generation wearable biosensing platforms.

In chapter 3, I optimized the printing and post-processing conditions for substrate,

contact, channel, and insulator materials using the nScrypt 3D printing system and

the Optomec aerosol jet printing system. The printing and annealing conditions were

optimized to achieve continuous films with high conductivities for the metal contact

and the channel material to ensure OECT performance. By utilizing the nScrypt

3D printing system, the printed Ag film showed an average thickness of 9 µm and

resistivity of 13.0 µΩ-cm, which is about 8 times of bulk Ag. The nScrypt printed

PEDOT:PSS film had an average thickness of 2.5 µm and resistivity of 50.9 mΩ-cm,

equivalent to 19.6 S/cm. Several metal nanoparticle inks were optimized using the

Optomec AJ5X printing system. The AJ printed Ag film had an average thickness
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of 2.44 µm and resistivity of 4.74 µΩ-cm about 3 times bulk Ag. The AJ printed Au

film showed an average thickness of 580 nm and resistivity of 14.23 µΩ-cm about 6

times bulk Au. With the optimized recipe, we obtained AJ printed PEDOT:PSS films

with an average thickness of 790 nm and conductivity of 40.40 S/cm. These optimized

printing and annealing parameters were used to fabricate OECT devices for biosensor

development. Moreover, to fabricate flexible biosensors for wearables, the substrate

should be carefully selected with suitable properties such as mechanical flexibility,

conformability, bendability, and wear resistance. The material printing should be

further optimized to achieve thinner films to improve the mechanical flexibility of

wearable devices.

In chapter 4, OECTs were fabricated on flexible substrates using the nScrypt 3D

printing system. The OECT was assembled on fully 3D printed soft PLA substrate

and commercially available PET substrate. This was the first work demonstrating

functional OECTs completely fabricated by 3D printing, including the 3D printed

substrate. Compared to other literature, the fully 3D printed OECTs had a consider-

ably high transconductance of 38.9 ± 2.4 mS, likely due to the thick printed channel

film. The preliminary tests of K+ ion concentration and pH were achieved using the

3D printed OECTs without functionalization due to the intrinsic ion sensitivity of

PEDOT:PSS. High sensitivity of 240 mV/dec was observed for K+ detection, which

is correlated to the high transconductance.

In chapter 5, OECTs were fabricated on commercially available substrates using

the Optomec AJ5X printing system. The influences of device geometry on the OECT

performance were studied for OECTs with Ag and Au contacts. We observed that

the magnitude of ID, transconductance, ON/OFF ratio of both Ag-OECTs and Au-

OECTs scale with the channel thickness and W/L. The channel thickness should

be further optimized to improve the drain current ON/OFF ratio and the device

response time. The effect of contact resistance of the channel and the source and

drain electrode should be studies and optimized for device performance optimization.
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In chapter 6, we utilized unfunctionalized AJ printed OECTs with an external

Pt wire as the gate electrode to detect the concentration of ∆9-THC molecules in

synthetic saliva buffer. The THC detection was achieved by sensing the Faradaic

current generated from the oxidation of phenol groups on the THC molecules at the

Pt gate surface. This method is a label-free technique with an overall testing time

of fewer than 10 minutes. Further improvements are needed to use the OECT as

a disposable salivary THC sensor for roadside testing. One aspect of improvement

is to substitute the external Pt wire with a printed in-plane gate electrode, such

that there is more control over the gate surface area and the distance between the

gate and channel. The in-plane gate is also easier to be integrated with the data

processing circuit. Since the OECT was unfunctionalized, the ∆9-THC sensor had

poor reproducibility when testing with synthetic saliva buffer. Moreover, the change

in ion concentration and other electroactive species in the testing solution could lead

to errors in reading. To address this issue, biorecognition elements, such as anti-THC

antibodies or aptamers, need to be incorporated onto OECT to improve selectivity.

In chapter 7, a systematic functionalization study was conducted using aerosol

jet printed OECT based glucose biosensors. Glucose sensing was achieved by incor-

porating GOx enzyme to the electrolyte, channel, and gate of the printed OECTs.

Glucose sensing in PBS was repeated with three devices for each functionalization

configuration, and sensing sensitivity was extracted from these measurements. Two

linear slopes were observed for each case, likely due to limited GOx amount and fixed

Pt gate size. The OECT with GOx functionalized printed Pt gate exhibited the

best performance among different functionalization configurations and could detect

glucose concentration in artificial sweat buffer a detection range of 0.1 to 10 mM cov-

ering the human sweat glucose range with two linear slopes of 0.068NR/dec for 100

- 500 µM and 0.384NR/dec for 500 µM - 10 mM. These results confirm that the AJ

printed OECT with functionalized gate is highly promising for non-invasive glucose

sensing. Using glucose sensors as an example, this work also demonstrates that the
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choice of functionalization site and functional materials are critical to the biosensor

design. Further testing with real human sweat samples should be performed to ver-

ify the sensor performance. Moreover, a compact circuit for power supply and data

transmission is required to use the OECT based biosensor as wearables for continuous

glucose monitoring.

Chapter 8 demonstrated the detection of streptavidin protein using printed OECT

with external printed Au gate electrodes that were functionalized with biotin via

NHC functional groups. We selected the NHC ligand due to its high binding affinity

to gold. The alkyl groups could be chemically modified based on application needs.

In this work, the alkyne-NHC ligands were synthesized to facilitate biomolecule at-

tachment through click chemistry. The surface modification was verified by optical,

electrochemical, and electrical methods. The biotin functionalized electrode showed

selectivity towards streptavidin with an ∆ VT of 255.9 ± 120.0 mV extracted from

four functionalized Au electrodes, each measured with three OECTs. The high stan-

dard deviation of the ∆ VT value is likely due to variation in the amount of bound

streptavidin. Since each streptavidin has four identical subunits, each streptavidin

molecule could interact with several biotin molecules leading to the deviation between

measurements. The next step is to conduct the stability study of the gate electrode

functionalized by the NHC SAM and compare the results with the one modified by

the thiol-based SAM. This approach could be potentially used for improving the se-

lectivity of OECT based ∆9-THC biosensor by functionalizing an external gate with

suitable biorecognition elements.

In chapter 9, we have developed a POC rapid COVID-19 diagnostic device consist-

ing of a disposable AJ printed OECT based biosensor and a custom-designed signal

processing circuit. The OECT biosensors were modified with the anti-SARS-CoV-2

antibody on the Au gate electrode for selectivity. Device geometry optimization was

first conducted to achieve better sensitivity. The function of OECT based SARS-CoV-

2 biosensor was validated with SARS-CoV-2 spike protein with a detection range of 1
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fg/mL to 1µg/mL and virus-like particles with a detection range of approximately 103

copies/mL to 106 copies/mL and average sensitivity of -45.7 mV/dec. Our COVID-

19 diagnostic tool was tested with clinical nasopharyngeal swab samples suspended

in UTM and demonstrated an overall accuracy of 87.5%. This label-free technique

does not require extra sample preparation steps, and the overall testing time is less

than 10 minutes. With the limited number of COVID-19 positive clinical samples,

the change in ∆VT of our OECT based SARS-CoV-2 demonstrated correlation with

the sample viral load. Along with the potable signal processing circuit, this tool can

be used on-site and even at home. There is still room for improvement to meet the

requirements for practical applications. The OECTs based SARS-CoV-2 sensors were

tested within three days after being functionalized, and we have not conducted any

tests for the stability of the sensors after a long time of storage. This is an important

factor for actual implementation as a diagnostic tool to prevent error reading due to

material degradation. Moreover, the functionalized gate is unprotected and poten-

tially exposed to contaminants in the environment that may lead to the degradation

of antibodies. Incorporating a microfluidic device would help enclose the function-

alized gate and also minimize the stock buffer solution evaporation. In the current

circuit design, the data is only saved locally on a microSD card, and the data analysis

was performed using MATLAB. Both of these need to be further improved to provide

real-time feedback on the results.

Despite the aspects discussed above for each chapter, some other factors should

also be taken into consideration for future improvement of OECT based biosensors.

Since the Optomec AJ5X system has 5-axis printing capability, there is a potential for

conformal printing onto non-planar substrate to improve the wearability of the printed

biosensors. The device functionalization could be further optimized by using printing

techniques to deposit the functional materials and biomaterials to the designated

areas. By using printing techniques, the functionalization process is carried out in

a more controlled manner to improve accuracy and efficiency. Another important
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aspect is to improve sensing accuracy using multiple sensor arrays to target specific

concentration ranges and for data validation. Temperature and pH sensors should

always be integrated, as they are the factors that affect the bioactivity of enzymes and

other biomolecules for recognizing the analyte. The power and data synchronizing

issues were not addressed in this thesis, but they are critical aspects that need to

be optimized to make the OECT based biosensors truly portable and wearable. A

smartphone application could be implemented to improve the accessibility of data to

the device users and healthcare professionals.
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Appendix A: Supplementary
Information for Chapter 7

A.1 SEM and AFM Characterization of Pt Thin

Films

Figure A.1: Real time ID measured for OECTs with functionalized (a) channel and
(b) functionalized printed Pt gate. 3 µL of 8 mg/mL GOx stock solution was added
to the designated functionalization site. PBS was used as the background electrolyte.
The functionalized devices were biased with constant voltages (VD = -0.2 V and VG

= 0.6 V). The change in ID was monitored after the addition of glucose solutions with
different concentrations. Lower current responses were observed for both cases.
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Figure A.2: The corresponding IG response of the four OECT functionalization con-
figurations as shown in Figure 7.3. (a) Unfunctionalized OECT with floating GOx.
(b) OECT with functionalized channel. (c) OECT with functionalized printed Pt
gate. (d) OECT with functionalized sputtered Pt gate. At higher glucose concen-
trations, IG keeps increasing due to the limited GOx amount for glucose molecule
oxidation and limited Pt surface area for H2O2 decomposition.
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Figure A.3: Surface roughness comparison of printed and sputtered Pt films. (a) SEM
image of printed Pt film. (b) SEM image of Pt thin film deposited by magnetron
sputter system. (c) AFM image of printed Pt film. (d) AFM image of sputtered Pt
film. The printed nanoparticle-based Pt film has higher surface RMS roughness (Rq)
of 13.8 nm as compared to Rq = 0.852 nm for the sputtered Pt film.
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Appendix B: Additional Data for
NHC Modified Au

B.1 Additional Evidence of NHC Deposition

Figure B.1: Contact angles for (a) blank Au and (b) alkyne-NHC Au sample.

Due to the limited size of printed Au electrode, the contact angles were measured

on glass slides coated with 10/100 nm Ti/Au film. As shown in Figure B.1, the contact

angle decreased from 88 degree to 42.22 degree, indicating that the film hydrophilicity

increased after alkyne-NHC deposition.

Figure B.2 shows the absorption spectrum collected for a TMS terminated alkyne-

NHC modified printed Au electrode. The characteristic peaks were found at 2958.3,

2925.5, and 2854.2 cm-1 for aliphatic hydrocarbons (C-Haliph), 848 and 808 cm-1 at-

tributed to C=C bending, and 1262.2 cm-1 due to the methyl groups on TMS. Both

results confirmed the formation of NHC based functional groups on Au surface.
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Figure B.2: IR spectrum of TMS protected alkyne-NHC Au electrode.

B.2 EIS Equivalent Circuit Model

Figure B.3 shows the equivalent circuit model used in this thesis to analyze the

impedance. This model should be further improved to acquire a better fit for the

data.
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Figure B.3: The equivalent circuit model (CPE with diffusion) used for impedance
analysis of EIS data. Ru is the series resistance, Rp is the parallel resistance compo-
nent, Wd is the Warburg element accounting for the diffusion process, and Y0 and
alpha describes the CPE element.
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Appendix C: The Signal Processing
Circuit Schematic and Calibration
for SARS-CoV-2 Diagnostic Tool

Figure C.1: Schematic of the circuit board designed for measuring the OECT based
SARS-CoV-2 biosensor with a two-button user-interface.
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Figure C.2: (a) Calibration curve of the TIA obtained by sourcing the input current
and measuring the output voltage using a Keithley sourcemeter. The linear fit has a
slope of 301 Ω that matches the value of the feedback resistor, R2 = 1, and a small
offset voltage of -31.6 µV. (b) Calibration curve of the 24-bit ∆-Σ ADC collected by
using a Keithley sourcemeter to source the input current and comparing the output of
ADC raw data and the ADC pin voltage measured by Keithley. A linear correlation
between the two sets of values with R2 = 1 and a small ADC offset voltage of -115
µV is observed.

Figure C.3: Transfer curves measured in 1xPBS before and after functionalizing the
in-plane gate with SARS-CoV-2 antibody for device (a) C1 and (b) E3.
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