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Abstract 
 

Early stage, disease diagnosis is of paramount importance as it maximizes chances 

for simpler and more effective treatment along with decreased possibility for metastasis. 

Decentralized diagnostic devices that promise to shrink complete biomedical laboratories in 

a few centimetres chips would immensely aid towards this direction and the need for such 

devices is ever-growing. Lab-on-Chip (LoC) with its holistic approach is a promising platform 

towards the implementation of Point of Care (PoC) testing which aims to bring the diagnosis 

at the patient’s bedside. However, advances on LoC have not been progressed to the point 

of vast commercialization as the mass manufacturing cost is still not at a competitive level. 

Lab-on-Printed Circuit Board (Lab-on-PCB) is currently considered as a promising candidate 

technology to transfer the LoC concept from the laboratory to the real world, demonstrating 

enormous potential for tackling the LoC commercial upscaling bottleneck. 

Recent advances in the technology of inkjet-printers and functional materials in 

solution form have made viable the fabrication of fully printable electronic devices, reducing 

the cost significantly in comparison to the usual lithography processes. In addition, inkjet-

printing appears to be the perfect match for biosensing applications as the latter do not 

require nm-scale capable technology.  

BioFETs have been considered as one of the most promising practices for sensitive 

detection of disease biomarkers and research interest has been significantly increased by 

the recent emergence of novel, nano-materials such as graphene.  The merger of BioFETs 

with the Lab-on-PCB concept could elevate the performance of Lab-on-PCB diagnostic 

microsystems far beyond their current state-of-the-art (2-3 electrodes electrochemical 

biosensors). 

In this study, the fabrication of BioFETs by means of inkjet-printing on PCB 

substrates is explored with the aim to detect circulating tumor DNA (ctDNA). To begin with, 

inkjet-printing of silver nanoparticle and graphene inks was attempted by using a large-

format, PCB-industry compatible printer. The second study focuses on the fabrication and 

electrical characterization of graphene BioFETs on PCBs. The PCBs were designed in CAD 

software and were industrially manufactured thus complying with the desired, upscalable 

character of the end-product. Other materials than graphene were also studied for 

transistor channel materials such as poly(3,4-ethylenedioxythiophene)-

poly(styrenesulfonate) (PEDOT:PSS) and molybdenum disulfide (MoS2). A third study 

concentrates on the ctDNA sensing characterization of the developed graphene BioFETs 

where the selective detection of the complementary DNA sequence is shown. The sensor 

was fabricated by implementing suitable linker molecules for the robust immobilization of 

peptide nucleic acids (PNA) probes. The sensitivity to pH and ionic concentration of the 

buffer solution is also highlighted. This study addresses one of the major challenges of 

biosensors which is the output signal influence by other parameters than the analyte 

concentration and in this case, it is shown that the pH and ionic concentration values have to 

be taken into serious consideration when implementing real sample solutions as their 

properties cannot be controlled. Lastly, the microfluidic integration of the presented BioFETs 
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was also demonstrated along with the commercial manufacturing of a microfluidic device for 

isothermal DNA amplification with the aim to render the presented BioFETs, self-sufficient 

sensing devices towards the LoC approach. 

In conclusion, this thesis serves as a potential orientation for overcoming the 

shortcomings of the current LoC field and contributes towards the development of 

upscalable BioFETs by implementing established commercial manufacturing technology. 

 

Keywords: Lab-on-Chip, Lab-on-PCB, biosensor, inkjet-printing, BioFET, EGFET, graphene, 

DNA, PNA 
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Chapter 1: Introduction 
 

1.1 Motivation 
 

Disease prevention can be classified in primary and secondary (early detection) 

prevention. The primary prevention refers to interventions that are applied by the individual 

and aim to decrease the risk of a disease development and is usually based on the lifestyle 

(e.g. nutrition, hygiene and vaccination). Secondary prevention is where the technological 

contribution is highly valued and deals with early detection of diseases which should reduce 

the risk of life threating or negative health outcomes to the minimum. Cancer diagnostics is 

an example of secondary prevention with substantial importance. Early detection of cancer 

means simpler and more effective treatment along with decreased possibility for metastasis 

[1]. Circulating tumor DNA (ctDNA) are small pieces of DNA (usually less than 200 

nucleotides) that have been released out of dying tumor cells and circulate into the 

bloodstream (Figure 1.1). These DNA sequences are mutations of the individual’s DNA and 

active research is ongoing to identify mutations that are only present in ctDNA [2]. 

Therefore, ctDNA could aid towards early and specific cancer diagnosis since tumors secrete 

DNA as soon as they are developed and before they are detectable by imaging methods and 

long before the patient becomes symptomatic [1]. In addition, ctDNA is a non-invasive 

diagnostic method, and thus can be repeated more often, as there is no radiation exposure 

or complications arised from traditional, tissue biopsies. The latter might be even impossible 

to be performed for certain types of cancers [1]. Interestingly, ctDNA is not just limited to 

blood based applications as it can be also sourced from urine, cerebrospinal fluid, saliva and 

stool [1]. 

 

Figure 1.1: Circulating tumor DNA[3]. 

 

In addition to the health benefits of individuals that early disease detection 

provides, the health costs are reduced if treatment is applied sooner before allowing any 

deterioration. However, it is not unusual for healthcare resources, especially in 
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underdeveloped countries, to have stock or access to drugs and means of treatments while 

access to centralized diagnostic facilities is limited. For this reason, the need for low-cost, 

decentralized diagnostic devices that promise to shrink complete biomedical laboratories in 

a few centimetres chips is ever-growing. Lab-on-Chip (LoC) with its holistic approach (i.e. low 

cost due to integration of different processes/components and implementation of the most 

sensitive devices) is a promising approach towards the implementation of Point of Care 

(PoC) testing which aims to bring the diagnosis at the patient’s bedside [4]. However, 

advances in LoC technology have not been progressed to the point of vast commercialization 

as the mass manufacturing cost is still not at a competitive level. Lab-on-Printed Circuit 

Board (Lab-on-PCB) is currently considered as a promising candidate technology to transfer 

the LoC concept from the research environment to the real world [5], demonstrating 

enormous potential for developing economical diagnostic platforms. This mainly stems from 

the intuitive compatibility with electronics, adequate micro-fabrication capabilities and the 

extensive experience regarding industrial manufacturing processes. The integration 

capabilities that the PCB platform introduces to the Lab-on-Chip concept concerning the 

electronics and microfluidics seem to be unique. 

Inkjet-printing is a compatible deposition method with the PCB industry as it is 

already used for the silk-screen layer formation. Recent advances in the technology of inkjet-

printers and functional materials in solution form have made viable the fabrication of fully 

printable electronic devices, reducing the cost significantly in comparison to the usual 

lithography processes [6]. In addition, inkjet-printing appears to be the perfect match for 

biosensing applications as the latter do not require nm-scale capable technology. On top of 

that, inkjet-printing is a fast deposition process that does not require a series of laborious, 

intermediate steps (e.g. sacrificial layer strategies used in photolithography). This simplicity 

is advantageous for both the mass-manufacturing and up-scalable character of Lab-on-PCB 

micro-systems and generally the fabrication of biosensors as their performance could be 

negatively affected by complex and multi-step deposition process. 

 BioFETs have been considered as one of the most promising practices for sensitive 

detection of disease biomarkers due to several intrinsic features (e.g. ease of electronic 

integration and inherent signal amplification) [7]. Additionally, FET is a well-practiced and 

understood technology. The merger of BioFETs with the Lab-on-PCB concept could elevate 

the performance of Lab-on-PCB diagnostic microsystems far beyond their current state-of-

the-art (2-3 electrodes electrochemical biosensors) [8] as there is no reported BioFET that 

utilizes the core PCB board for the substrate where the active material is deposited. The 

ultra-sensitive capabilities of BioFETs can be exploited by diagnostic applications that 

demand high sensitivity such as ctDNA detection while Lab-on-PCB enables the integration 

of BioFETs with sample handling and DNA amplification modules in a single, commercially-

compatible platform. 

 Several channel materials have been explored in BioFETs, with graphene gaining 

significant attention recently. Graphene, a sheet of sp2-bonded carbon atoms arranged into 

a honeycomb structure [9] has been exploited as the sensing element in BioFETs owing to its 

unique electronic and chemical properties [10]. Graphene BioFETs display improved 

performance (i.e. increased transconductance) in electrolyte gated mode owing to the few 
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angstroms thick electric double layer formed between the electrolyte-graphene interface 

[11]. It has been found that the electrochemical gate is over two orders of magnitude more 

efficient than the conventional back gate with hundreds of nm thickness of SiO2 [12]. High 

transconductance is a desirable feature for a BioFET as a tiny change in the gate bias 

(induced by charged analytes) will have a significant change in the channel current. 

Additionally, graphene is a popular choice for the active material in electrolyte gated FETs 

(EGFETs) as its unique properties (e.g. direct doping from the adsorbed analytes) are better 

exploited by this “open” structure [13] while being suitable for direct chemical and biological 

functionalization. 

 

1.2 Aims of the Research 
 

The proposed project aspires to progress biosensing sensitivity in Lab-on-PCB 

technology beyond its current state-of-the-art, employing in-house, low-cost inkjet-printing 

technology to develop FET-based biosensors, integrated in medical Lab-on-PCB diagnostic 

microsystems for the first time. Graphene and other novel materials will be studied for the 

formation of the BioFET channel and will be electrically characterized while the process to 

bio-functionalize the device for ctDNA quantification will be developed. The design and 

integration of the microfluidic structures required for the implementation of a complete 

diagnostic microsystem will be also attempted. The following bullet points summarize the 

specific scientific objectives of this project: 

 
 Investigation of inkjet-printing of commercially available metallic ink for the 

fabrication of electrical tracks/contacts on PCB substrate for implementation in a 
BioFET device. The adoption of a large-format, high-throughput, industry-compatible 
inkjet-printer, contrary to specialized and expensive material printer, is considered 
essential to align with the motivation of this project. 

 Investigation of stability of inkjet-printed, pseudo-reference electrodes for 
implementation in a BioFET device.  

 Investigation of printable transduction elements, in particular graphene in solution, 
for the direct formation of the BioFET channel on PCB substrate.  

 Functionalization of the transduction material with the bio-recognition element (i.e. 
nucleic acid probes) for selective target ctDNA detection.  

 Evaluation of the sensing performance towards ctDNA.  

 PCB-based integration of further (pre-sensing) assay steps towards the Lab-on-Chip 
direction.  

 

1.3 Overview of the Dissertation 
 

In Chapter 2, a literature review is presented about biosensors and particularly 

electrochemical; devices that is relatively new in our lives. The definition of the biosensor 

concept along with the general characteristics that describe biosensing devices is given in 
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the beginning of this chapter. Next, the historical background of the biosensor is introduced 

featuring the most important milestones up to this point with respect to the firstly reported 

major technologies. The impact that biosensors have in our everyday life is underlined by 

highlighting the vast range of applications creating a link with the future challenges and 

prospects. The field of nanotechnology, especially with the introduction of 2D materials has 

been expanded way out of the laboratory as it governs the modern technology. Thus, it 

would be a major oversight to not stress the role of nanotechnology in the biosensor sector. 

After having presented the importance of biosensors and discussed important related 

principles such as LoC and PoC testing, a more technical part concludes the second chapter 

which describes the various biosensor types, classifying them according to the biological 

component and the working principle, giving particular emphasis to the BioFET while a 

comparison against the other types is also made. 

Chapter 3 presents the Lab-on-PCB concept and the advantages it brings to the LoC 

scene compared to platforms based in different materials, such as silicon, glass and paper. 

Chapter 4 explores the BioFET technology focusing on DNA detection by presenting 

findings from the literature. The sensing principles of various BioFETs are described and the 

role of novel materials is presented. Particular attention is paid to graphene based BioFETs. 

Inkjet-printing for sensing applications is also introduced.  

 In Chapter 5, the experimental methods and techniques employed in the 

dissertation are presented. This covers the inkjet-printing setup with the large format, 

industrial printer, the PCB design of the EGFET boards and isothermal DNA amplification 

boards, all the functional inks that were studied, the pseudo-reference electrodes 

fabrication and stability evaluation procedure, the electrical measurements parameters of 

the EGFET characterization and the immobilization procedure of the PNA probes on 

graphene for oncogenic mutations of PIK3CA, one of the most commonly mutated 

oncogenes in human cancer.  

In Chapter 6, inkjet-printing is investigated as deposition method for silver and 

graphene aqueous inks on PCB substrate. As it will be proved, inkjet-printing of functional 

inks is not a straight-forward procedure as it demands compatible ink characteristics with 

the printhead while potential agglomeration of the sub-micrometer-sized particles may 

further hinder the operation. Chapter 7 presents the electrical characterization of drop-

casted graphene EGFETs on PCB substrate and the procedure followed to acquire typical 

amphipolic graphene behaviour. In addition, the fabricated EGFETs employing other novel 

materials, including PEDOT:PSS and MoS2, are presented. 

Chapter 8 deals with the pH sensitivity of the fabricated graphene EGFETs and the 

underlying mechanisms where a study in real sample (human urine) is attempted. The 

investigation of the ctDNA detection with the fabricated graphene EGFETs is presented 

where the importance of the linker molecule for the PNA probe immobilization is 

highlighted. It is shown that selective detection of the target DNA is feasible and the sensing 

mechanism is discussed. Chapter 9 confirms the microfluidic operation of the relevant EGFET 

boards, promising improved performance and decreased reaction times. Finally, this chapter 
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shows the low energy consumption characteristics of the continuous-flow, PCB chips 

designed for rapid DNA amplification which renders them suitable for portable operation. 

The conclusions are presented in Chapter 10, and suggestions made for how this 

work can be used for the further development of printable, PCB-based EGFETs for diagnostic 

applications. 
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Chapter 2: Electrochemical Biosensors 
 

In this chapter, an overview of sensors is provided and specifically electrochemical 

biosensors as they are the object of study of this thesis. Basic biosensor characteristics are 

listed along with the historical background based on the firstly reported major biosensing 

technologies. An extensive biosensor classification follows according to several criteria such 

as the system in which the analysis is performed, the transduction component and the 

recognition element. Finally, the biosensor applications are highlighted along with the 

introduction of some critical technologies/platforms i.e. microfluidics and Lab-on-Chip. A 

brief analysis of the biosensing role of the novel nanomaterial technology is also provided in 

support of the experimental work of this doctoral project. 

2.1 Definition 
 

The term sensor refers to any device that receives a stimulus and responds with a 

signal (e.g. electrical) [1],[2]. The stimulus is the condition, property or quantity that is 

sensed and converted into the signal [2]. For example, a thermocouple produces a 

temperature dependent voltage due to the thermoelectric effect and the output voltage 

level is assigned to a temperature level. However, in the case of mercury thermometer, it is 

a non-electronic sensor since it converts the measured temperature to dilatation of mercury 

upon a graduated scale. Sensor technology development signifies one of the most radical 

concepts in today’s scientific research and technological growth. Sensors are continuously 

flooding people’s everyday life from piezoresistive ones in various electrical devices to the 

wide range found in modern automobiles. 

A biosensor is an analytical device that is able to detect an analyte of either chemical 

or biological origin which is related to a biological response [3]. This is achieved by 

implementing a biological component which is responsible for the interaction with the 

analyte and a transducer transforming this interaction to a signal that is usually electronic 

(e.g. current, potential) or another physical property like a colour change or a change of 

optical density. The last part of the biosensor is the component that processes the electronic 

output signal in order to render it suitable for observations by the humans. It can include 

advanced electronic circuits, like amplifiers and various types of converters. Its main purpose 

is to prepare the signal in order to be conditioned for the next and final step: the user 

interface. A general scheme of the biosensor assembly is shown in Figure 2.1. It has to be 

noted that the biosensors are clearly distinguished from the analytical processes performed 

in large scale and burdensome biomedical laboratories as they are compact devices that 

produce immediate analysis.  

One classification that applies to the biosensors is based on the working principle of 

their transduction element (see 2.4). Electrochemical biosensors are a major group and are 

the object of study of this thesis.  

The following definition for the electrochemical biosensor is generally accepted: An 

electrochemical biosensor is a self-contained integrated device, which is capable of 
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providing specific quantitative or semi-quantitative analytical information using a biological 

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

an electrochemical transduction element (Physical Chemistry and Analytical Chemistry 

Divisions of IUPAC 1999) [4]. Even though, this definition is referred to the electrochemical 

biosensor specifically, it was accepted that it can be applied to describe any type of 

biosensor with different working principle of the transduction element [3]. 

 

 

Figure 2.1: Principal scheme of a biosensor assembly example (adapted from Evtugyn[3]): 1) 

Display 2) Signal processing module; 3) Transducer; 4) Biological recognition element; 5) 

Analyte. 

 

2.2 Characteristics 
 

There are several biosensor characteristics that one has to examine in order to develop 

the appropriate sensor for a specific application, imposing the respective technical and 

economic considerations. The main such specifications are listed below [5]: 

 Accuracy 

 Sensor accuracy is determined from the maximum measurement error. In 

practice, every electrical device introduces an error in its measurement. For 

example, the accuracy of commercial thermal cameras (used also in this project) 

range from 1.5 % to 3 %. 

 Calibration 

 Defining the transfer function of the sensor. It is usually conducted by 

comparing the output signal to another sensor for the same input stimulus. The 

second sensor is considered as reference and it has to be properly calibrated. 

 Linearity 

 The degree that the graph of the output to input (transfer function) resembles a 

straight line. A sensor can be linear usually for a limited stimulus range. Linearity 

is rarely found in biosensors as the response curve is usually linear for a limited 

range of the measured analyte. 
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 Compatibility 

 Compatibility describes to which extent the installation of the sensor in the 

system affects the output signal of the sensor. 

 Sensitivity 

 The sensitivity of the sensor is defined as the slope of the output characteristic 

curve or, more generally, the minimum analyte concentration that will create a 

detectable output change. This can also be called as the limit of detection (LOD). 

For example and as it will be explored in detail later in chapter 8, attomolar (aM) 

LOD level for DNA has been reported for electrolyte-gated field-effect 

transistors with the femtomolar (fM) (>100 fM) and low nanomolar (nM) levels 

being widely found.    

 Sensitivity to other substances (selectivity) 

 The sensitivity of a sensor to substances like admixtures or contaminants other 

than that which is designed for. It is the ability of the sensor to measure the 

analyte it is designed for in presence of other interfering factors. Selectivity is 

the main consideration when choosing bio-receptors. In terms of DNA detection, 

the selectivity of the sensor is examined with respect to the number of base pair 

mismatches (compared to the target sequence) that allow differentiation of the 

output signal compared to the signal of the target sequence. As it will be shown 

in the next chapters, even single base pair mismatch is used for selectivity 

evaluation and represents the stricter evaluation for DNA sensors. Non-

complementary DNA strands with complete mismatch are also used. 

 Saturation 

 Saturation is defined when the output signal of the biosensor does not change 

even when analyte concentration is further increased. 

 Drift 

 Drift is the output signal change over time although the analyte concentration 

remains unchanged (Figure 2.2). Drift signal characterizes the sensor stability. It 

is highly affected by the affinity of the bioreceptor. Affinity is the degree of the 

binding between the analyte and the bioreceptor. Low affinity may lead to 

separation of the analyte from the receptor over time. Another factor that 

causes drift is the aging of the bioreceptor which may decrease its ability to bind 

robustly to the analyte. 
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Figure 2.2: The change with time of the output biosensor signal with stable analyte 

concentration. Drift of biosensors is usually monotonous (single direction). 

 

 Resolution 

 Resolution is the minimum measureable variation in sensor’s input. 

 Repeatability 

 Repeatability concerns the output signal variation under the same identical 

input signal. The repeatability is affected by the accuracy of the transducer part. 

Repeatability may not be a concern for all biosensors as they may be intended 

for single-use. Reproducibility of the sensing behaviour for a number of 

identically fabricated sensors is a characteristic that is always monitored and it 

can be claimed that at least 5 sensors are necessary to evaluate the 

reproducibility for biosensing applications in the research stage.  

 Noise 

 Noise is a random change in output signal. If noise level is comparable to the 

output signal, then the stimulus in input cannot be perceived. Noise depends on 

device sensitivity over other than the measured stimulus parameters (Figure 

2.3). Generally, it is considered that 3x the noise level is the lowest signal level 

which can be considered as a reliable output that corresponds to a real change 

in analyte concentration [3]. 
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Figure 2.3: Noise signal in the output. 

 

As a conclusive comment and to establish a link with the DNA biosensing, the 

characteristics that are of great interest in this thesis, are the sensitivity, the selectivity, the 

repeatability and the noise. Following a brief mention of indicative figures of merit above, 

detailed listing of FET DNA biosensor characteristics is provided in Chapter 8.2. 

 

2.3 Historical Background 
 

It is broadly accepted that the first “real” biosensor was developed by L. C. Clark and 

C. Lyons. Clark first suggested the oxygen probe for sensing oxygen in the blood (1956) [6]. 

This oxygen sensor was modified to accommodate “enzyme transducers as membrane 

enclosed sandwiches” by adding the enzyme Glucose Oxidase over the oxygen probe [7]  

(Figure 2.4). The enzyme catalysed the oxidation of glucose to gluconic acid. Thus, the 

addition of glucose led to a proportional decrease of oxygen content in the vicinity of the 

oxygen probe. Later, a similar device was presented by Updike and Hicks who immobilized 

the same enzyme on a polyacrylamide gel onto a surface of a Pt oxygen electrode [8] (1967). 
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Figure 2.4: Schematic of the first biosensor developed by Clark and Lyons[3]. 

 

In 1963, Guilbault described a biosensor with immobilized enzymes (cholinesterase) 

between 2 platinum (Pt) electrodes for early detection of nerve agents in the atmosphere 

[9]. Besides this, Guilbault along with Montalvo invented the first potentiometric enzyme 

biosensor to detect urea in urine using immobilized urease (1969) [10]. The second-

generation biosensor was introduced in 1986 by Hill et al. [11]. The difference to the first 

generation was the improved electrical signal that is generated by the reaction between the 

biological component and the analyte. This was accomplished by using ferrocene as a 

mediator before the transducer element. This device was marketed by Medisense as the 

Glucose pen. Finally, the third-generation biosensor was presented by Adam Heller in the 

1990s [12] by coupling the enzyme directly to the electrode, thus neither direct involvement 

of a reaction product (1st generation) nor a mediator (2nd generation) is required. A more 

detailed historical overview is illustrated in Table 2.1, as found in [3],[13] and[14]. 

 

Table 2.1: Timeline of the biosensors progress focusing on the 

firstly reported major technologies [3],[13],[14]. 

1962-
1967 

The first biosensor – modified oxygen probe for glucose detection [7],[8] 

1963-
1969 

Immobilized enzymes biosensor[9], first potentiometric enzyme biosensor for urea 
determination [10] 

1970-
1972 

Ion-selective field effect transistor (ISFET) to quantify the ion composition around 
nerve tissues [15] 

1971 Organon International launched the first home pregnancy test [16] 

1975 The first potentiometric  immunosensor [17] 

1976 The first amperometric immunosensor for assaying human immunoglobulin G (IgG) 
[18] 

1980 ISFET combination with an enzyme for penicillin sensing [19] 

1980 Fibre-optic biosensor for alcohol detection [20] 

1983 Surface plasmon resonance (SPR) techniques are described [21] 

1983 The first biosensor based on the quartz crystal micro-balance (QCM) [22] 

1986 Second-generation biosensor is introduced [11] 

1990 Third-generation biosensor is introduced [12] 

1990 SPR-based biosensor by Pharmacia Biacore [14] 

1992 Handheld blood biosensor by i-STAT [14] 

1993 The first electrochemical DNA hybridization biosensor [23],[24] 

 

2.4 Classification 
 

Biosensors can be classified according to more than one criterion. To begin with, 

biosensors can be classified according to the system in which the analysis is performed. 

Biosensing can be performed either ex vivo which means that an organ or tissue is removed 
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from a living organism and is studied in vitro (meaning in a “glass”), in a controlled but not 

the actual real environment, or in vivo i.e. directly in the actual organism [3]. 

Usually, the distinction is done according to the type of one of their main 

components that were described in 2.1.  

Classification based on the employed biological recognition element: 

The classification of biosensors based on the employed biological component is a 

straightforward definition. Enzyme biosensors are employing enzymes on the transducer 

element to catalyze the analyte related reaction and produce a signal that is usually gas 

adsorption/emission, change in the light reflection, heat emission or change in the proton 

concentration [25]. The number of enzyme catalysts used is an additional distinctive 

characteristic. There are bi-enzymatic and tri-enzymatic sensors achieving simplification of 

the measurement with supporting enzyme(s). As an example, bi-enzymatic sensors have 

been used for the detection of D-lactate [26] and tri-enzymatic for the detection of starch 

[27]. Microbial sensors resemble the enzymatic sensors with the difference that living or 

dead microorganisms are immobilized. In this way, the enzyme is kept in its natural 

environment and relevant complications are avoided [28]. Likewise, biological tissues are 

utilized in biosensors as the supporting source of enzyme activity demonstrating unstable 

behaviour in most cases; however they have exhibited promising results at specific 

applications like cancer diagnostics and drug-screening [3].  

Immunosensors use an immune interaction component, i.e. antibodies or antigens 

for the biological part. Immunosensors are expected to evolve as the replacement of the 

clinical immunoassay instruments that are based on indirect detection methods like enzyme-

linked immunosorbent assay (ELISA). The strength of the antigen-antibody interaction is 

measurable and is expressed by the affinity constant, KD (the equilibrium dissociation 

constant between the antibody and its antigen): the smaller the KD value, the greater the 

binding affinity [29]. The binding affinity is essentially affected by non-covalent interactions 

such as Van der Waals forces and hydrogen bonding between the two molecules. Binding 

affinity can be extended to intrinsic and functional affinity. Intrinsic affinity is related to the 

chemistry of the antibody-antigen interaction. It is the strength of the interaction between 

the epitope (antigen binding part) and the paratope (antibody binding part) [30]. On the 

other hand, functional affinity is related to the physical properties of the epitope and 

paratope and their geometrical compatibility [30]. It is of highly importance to note that 

these interactions are reversible under certain conditions (suitable temperature, pH, 

pressure and ionic strength). 

Another major biosensor class is nucleic acid sensors. As it is implied by the name, 

nucleic acid sequences are employed as binding molecules. The biological part of these 

sensors is based on nucleic acid probe sequences or aptamers and they detect 

complementary DNA fragments or proteins, respectively. A DNA probe is a short 

oligonucleotide sequence that reproduces a small part of a native biomolecules [31]. The 

aptamers are synthesized by the combinatorial approach and are selected by affine 

chromatography against a target analyte [32]. Sensors based on aptamers are called 

aptasensors. It is possible to fabricate sensors that combine two different types for their 
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biologic recognition part (main and auxiliary part). A DNA sensor with immunochemical 

accumulation of the analyte is such an example [3].  

Microbial sensors employ a transducer in conjunction with immobilized viable or 

non-viable microbial cells [33],[34]. Non-viable cells have mostly been used as an economical 

substitute for enzymes [34]. Viable cells make use of the respiratory and metabolic functions 

of the cell, the analyte to be monitored being either a substrate or an inhibitor of these 

processes [34]. Tissue sensors use biological tissues as the source of specific enzyme activity. 

In this manner, they substituted enzyme preparations that were either more expensive or 

unavailable [3],[35]. The success of biotechnology and enzymology has enabled the access to 

pure proteins and the use of biological tissues as the source of specific enzyme activity has 

become insignificant [3]. 

Immunosensors and DNA-sensors constitute the broader affinity sensor category 

distinguished by reversible interactions while the enzymatic biosensors belong to the kinetic 

methods of analysis [3],[36]. Microbial and tissue biosensors can be positioned in either of 

the two categories according to the signal measurement and their application scope [3]. In 

Figure 2.5, the biosensor classification is summarized by virtue of biological element type. 

 

Figure 2.5: Classification of biosensors in accordance to the biological component[3]. 

 

Classification based on the transduction component: 

The working principle of the transduction component is the second major approach 

to classify the biosensors. The classification of biosensing devices according to the 

transducer component is summarized in Figure 2.6. A brief description of some of the main 

classes follows. Starting with electrochemical sensors, they are one of the most popular 

classes. They are divided in three major subcategories: amperometric, potentiometric and 

conductometric, based on the specific measurement methodology employed.  
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Figure 2.6: Biosensors classification in accordance to the transducer component[3]. 

 

 Electrochemical biosensors 

• Amperometric Biosensors: Current flow is measured when potential is 

applied between two electrodes. Either a two-electrode or a three-electrode system can be 

utilized with working, counter (or auxiliary) and reference electrode. The polarization is 

applied between the working and the counter and the potential on the working is monitored 

versus the reference electrode. The three electrodes system essentially protects the 

reference electrode from high currents, feeding current through the counter. In the case of 

low current (nA), the counter electrode is redundant. The working electrode is the area 

where the sensing takes place and is suitably modified to detect the analyte. The potential 

bias and the current measurement are performed by an analytical instrument, called 

potentiostat. Both enzymatic and affinity amperometric biosensors appear in the literature 

[3]. As far as the reference electrode, a common commercial type is the silver chloride 

(Ag/AgCl) electrode which consists of a plastic membrane and internal filling. However, 

pseudo-reference electrode can be also obtained by lithography techniques and screen-

printing for miniaturized devices, with no filling is required in that case. The distinctive 

difference between a reference and a pseudo-reference electrode is that the latter’s 

potential is not stable but can be predicted for various operating conditions. Thus, pseudo-

reference option is advantageous for measurements that take place under multiple different 

conditions where a typical reference electrode’s potential would become unpredictable.  

• Potentiometric Biosensors: Voltage difference between working and 

reference electrodes is measured at high impedance resulting to zero current flow. 

Obviously, reference electrode provides the reference potential while the voltage value at 

the working electrode, measured by high impedance voltmeter, refers to the analyte 

concentration. They are characterized by minimal energy consumption as no external bias is 

applied. A representative example of a potentiometric biosensor is the ion-selective 
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electrode (ISE) and the most common ISE is the pH electrode which contains a thin glass 

membrane that responds to the H+ concentration in a solution [37]. Potentiometric 

biosensors have been overshadowed by amperometric due to their lack of sensitivity and 

non-linear calibration curves, although their working range can be wider [3]. 

• Conductometric Biosensors: Electrical resistance is measured under 

alternating voltage. Even though conductometric devices exhibit several advantages in 

comparison to the popular amperometric class, they have not gained the attention they may 

deserve because their working principle is not yet adequately understood [38]. It is 

important to state that a reference electrode is not needed for a conductometric biosensor, 

they are not affected by light, low magnitude alternating voltage is required and they can be 

integrated and miniaturized easily [38].  

 BioFET 

It is usual to include biosensors based on Field Effect Transistors (BioFETs) in the 

potentiometric class due to the partially similar behaviour of one of the most widely used 

representatives of this class: the ISFET. However, because BioFETs are the main focus of this 

research and their working principles are different from the potentiometric, they are 

discussed separately here. First of all, a FET is a three terminal electronic device consisting 

from the drain, the source and the gate (Figure 2.7 (a)). The current flow between the 

source and the drain is modulated by the voltage applied to the gate (insulated from the 

body by a thin dielectric material) while the source and the body are grounded. In particular, 

the electric field generated by the gate voltage is affecting the channel current. In the event 

of positive applied voltage to the gate electrode, the positively charged mobile carriers 

(holes) are repelled to the substrate leaving behind the exposed negatively charged 

immobilized acceptor ions. Consequently, negatively charged mobile carriers (electrons) are 

accumulated from the substrate towards the gate forming a thin, n-type, conductive channel 

between the drain and the source and current flows if a voltage is applied to the drain. This 

is called n-type channel device. Thus, the type of the substrate surface is inverted from p-

type to n-type due to the gate bias. Threshold voltage (Vth) is the gate voltage value at which 

the channel current starts to flow. The sign of Vth is positive for the n-channel FET and 

negative for a p-channel.  

This microelectronic device can be converted to a bio-sensing device if the gate lead 

is removed and a sensitive layer is attached to the dielectric along with a reference electrode 

and of course an aqueous solution. If this layer is an ion-selective membrane, then the 

device is sensitive to ions concentration (H+ and OH-) in the solution and is called ISFET 

(Figure 2.7 (b)) [39]. Figure 2.7 shows the schematic comparison of a Metal-Oxide-

Semiconductor FET (MOSFET), a type of FET, and an ISFET. Alternatively, the dielectric can 

accommodate molecular receptor to make an affinity biosensor or enzymes for an 

enzymatic one. The binding of the charged target molecules to the dielectric leads to the 

generation of a vertical electric field that affects the channel current and acts similarly to a 

gate voltage bias. If the target molecule is uncharged, enzymes can be immobilized on the 

gate surface to alter the local pH of the solution after the catalyzed reaction with the analyte 

which in return will change the charge on the gate, modulating the channel current. 
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Figure 2.7: a) MOSFET and b) ISFET cross-section view[40]. 

 

A substantially superior characteristic of Bio-FET over other techniques is the 

suitability for label-free detection. A label is a molecular species that is attached, either 

permanently or temporarily, on the target analyte that we are interested to detect. This 

label serves as the way to increase the sensitivity and specificity of the sensor [41]. Examples 

of label based detection techniques are fluorescent labeling, isotopic labeling and 

chemiluminescent labeling [42]. On the other hand, label-free detection does not implement 

any molecular species for labeling the analyte molecules as the detection principle is based 

on biophysical properties like molecular charge to discover their presence. The label-free 

method is the modern technique and showcases noteworthy advantages over the traditional 

one such as real-time monitor of the analyte concentration and faster preparation of the 

device as no labeling steps are required which would further complicate the process. Other 

Bio-FET advantages include fast response, high sensitivity along with low LOD owing to the 

built-in amplifying character [43] and ease of electronic compatibility and integration into 

more complex electronic devices (e.g. handheld readers for Point of Care (PoC)) for cost 

reduction.  

 Calorimetric Biosensors 

Their principle is based on the measurement of the solution temperature before and 

after enzyme action as many enzyme reactions are exothermic. Usually, the exhibit low 

sensitivity and limited range [44].  

 Optical Biosensors 

 

  Optical biosensors exploit the interaction of the optical field with a biorecognition 

element. The optical biosensor can use a plethora of biological materials, including enzymes, 

antibodies, antigens, nucleic acids, whole cells and tissues as biological recognition elements 

[45]. Surface plasmon resonance (SPR), evanescent wave fluorescence and optical 

waveguide interferometry utilize the evanescent field in close proximity to the biosensor 

surface to detect the interaction of the biorecognition element with the analyte [45]. For 

most waveguide systems, the evanescent wave decays exponentially with decay length in 

the order of 0.1-1 μm, thus preventing the unspecific binding event and making the 

evanescent-based biosensors the most promising techniques for the detection of analytes in 

real samples [46]. The surface plasmon resonance (SPR) based biosensors have given a 

considerable boost to this class owing to their low LOD and option for multiple detections 
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regarding different analytes on a single Lab on Chip (LoC) [47]. The SPR phenomenon occurs 

on the surface of conducting material (usually metal) at the interface of two media (usually 

glass and liquid) when it is illuminated by polarized light at a specific angle. This generates 

surface plasmons and consequently a reduction of the intensity of reflected light at a specific 

angle known as the resonance angle [45]. This effect is proportionate to the biomolecule 

concentration on the surface. In all configurations, the SPR phenomenon enables direct, 

label-free and real-time changes of refractive index at the sensor surface [45],[47]. Localized 

(LSPR) is another approach that allows for lower levels of background interference 

compared to SPR [47]. LSPR is performed on nanostructures exploiting unique optical 

properties that are not found in larger metallic structures.  The major difference between 

SPR and LSPR is that induced plasmons oscillate locally on the nanostructure (LSPR) rather 

than along the metal/dielectric interface (SPR) (Figure 2.8) [45]. Currently, LSPR biosensors 

are considered as the next generation on plasmonic label-free platforms as they are more 

flexible regarding their fabrication strategies compared to the bulky commercial SPR system 

[45]. 

  

 

Figure 2.8: Schematic diagrams showing the detection principle of plasmonic biosensors 

based on (a) SPR and (b) LSPR imaging[48]. 

 

 Piezoelectric Biosensors 

 Piezoelectric materials are used for the supporting layer on which the analyte-

capturing coating is applied. Usual piezoelectric materials are piezoelectric crystals. They 

oscillate at a certain frequency upon appliance of a certain voltage value. As the analyte 

molecules are attached to the bio-sensitive surface, the system mass is increased and in 

return, the oscillating frequency is decreased with subsequent generation of an electric 

signal. This class is characterized by high sensitivity because the oscillating frequency 

measurement is a robust and precise measurement. Both enzymatic and affinity biosensors 

can be utilized nevertheless, it is more suited towards high-molecular compounds (e.g. 

proteins or oligonucleotides) as obviously their sensitivity is decreased for low mass analytes 

[3], [44]. Thus, enzymatic sensors do not exploit adequately this working principle. This 

intrinsic characteristic can be improved by roughening the transducer’s surface, usually by 

depositing nano-particles, to increase the density of the trapping sites.   

 Micromechanical sensors 

 Biosensing through micromechanical signal transduction is mainly done by 

cantilevers (or suspended membranes or Quartz Crystal Microbalance (QCM) or acoustic (i.e. 
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SAW) sensors). One side is surface functionalized for the biochemical reaction and upon the 

analyte insertion, a bend is measurable either by optical (laser) or by electronic method 

(piezoelectric). The cantilever can be either operated in static mode where the bending is 

measured or in dynamic mode where it oscillates at its resonance frequency and the 

frequency changes upon the biochemical binding. Along with the above class, they can be 

regarded as the universal transducers that can be used with all types of biological elements 

and again their use is limited to bulkier analytes [3]. 

 

2.5 Applications, Impact and Future Prospects 
 

Biosensing is an interdisciplinary field as it requires the synergy of multiple research 

areas: micro and nano-technology, biology, bio-technology, pharmacy, chemistry, physics 

and so on. Since all of these disciplines are involved, it is not surprising that they are used in 

numerous applications, as Figure 2.9 shows. Biosensors are used for the detection of 

elevated glucose level in blood in diabetic patients [49], for detection of tumors [50], of 

pathogens [51] and toxins [52] in living organisms. Biosensors can also be used for 

monitoring the quality of products in the food industry [53]. They are also used to sense 

pathogens and other critical substances for health in the environment [54]. Finally, military 

defense systems incorporate biosensors to identify biological materials that are used for 

biological warfare, like Bacillus anthracis and hepatitis C viruses[55]. These last two 

applications can be defined as ‘long-term monitoring’ sensing tools as they are used 

continuously for long periods of time in stand-by mode to alert when the level of the analyte 

exceeds a particular concentration in the medium. The other aforementioned applications 

can be labeled as ‘single point’ sensing tools as they are mostly used for a single set of 

measurements and for this reason they are usually characterized by low cost and 

disposability [14]. 

The interdisciplinary form that characterizes biosensors is a significant factor that 

has contributed to the “democratization” of the biosensor field as it is easier for a physician 

or an electronic engineer to enter the field with a closely related background not being a 

requirement [3]. Physics, chemistry, biology, electronic & material engineering and medicine 

are fields from which researchers are collaborating nowadays on biosensing projects 

[3],[14]. This essential scientific interaction leads to a rapid progress in all the involved 

disciplines. It is not coincidental that many biosensing related technologies have found the 

way from the lab to the production line in the last two decades [3],[44]. Numerous 

companies have also been formed rendering biosensors a part of our daily life and not a 

niche product. In general, biosensors have contributed to the improvement of healthcare, 

homeland security, agriculture, pharmacology and food safety, thus the quality of living for a 

substantial proportion of people has been enhanced [44]. 
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                                                     Figure 2.9: Biosensors applications[14]. 

 

Nevertheless, there are still several challenges to overcome. Demand for cost-

effective devices with ease of use is ever-growing, especially in lower-middle income 

countries with limited healthcare resources where drugs to cure certain diseases may exist 

but there is a difficulty in diagnostic facility access. Lab-on-Chip (LoC) is a novel technology 

that promises democratization of access to diagnosis through the miniaturization of 

biochemical analysis [56],[57],[58]. LoC technology involves devices that incorporate several 

laboratory processes on a single substrate that has a dimension of a few square millimeters 

or centimeters (Figure 2.10) [58]. In this perspective, the term “chip” does not strictly refer 

to the widespread silicon chip but to any material that can serve as the substrate for the 

microsystem integration (i.e. glass, polydimethylsiloxane (PDMS) and paper). It has to be 

noted that the terms Lab-on-Chip and micro Total Analysis System (μTAS) are used 

indiscriminately today. However, this was not always the case as μTAS was first introduced 

by Manz et al. [59] in 1990 to describe the integration of the total sequence of lab processes 

performed on micro-devices and later the term LoC has been used to denote a more general 

purpose device that still uses the μTAS concept[60]. 
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                                                        Figure 2.10: Lab on Chip technology[61]. 

 

Apart from the promise for low-cost and upscalable manufacturing, some of other 

major advantages include lower usability cost due to the ease of operation that does not 

require specialized staff, reduction of human error and faster response and diagnosis times 

since everything is done automatically in handheld microchips. BioFET is the ideal candidate 

for the expansion of LoC due to its ability for miniaturization and electronic integration. 

Arrays of BioFETs constructing a single LOC can perform multiple detections of several 

different analytes by treating each device with the suitable selective receptor and thus 

creating a multi-diagnostic device with a single, common readout protocol [62].    

 LoC can handle fluids of very small volume (micro/picolitres) transferring them 

across the chip’s surface for analytical processes and performing functions such as pumping, 

mixing, filtering and sorting. The delivery of the fluids to the specific sites on the chip is 

handled by microfluidics: a set of micro-channels etched or molded into a material (glass, 

silicon or polymers) [63]. The microfluidic channels are connected to the outside macro-

world via inlets and outlets pierced through the chip and connected to suitable tubing. The 

science of fluids in micro or nano scale is governed by different mechanisms dominated by 

“surface-related” phenomena [64]. The laminar flow and the surface tension are of outmost 

importance on this scale [65]. The diffusion and reaction times of chemical species in 

microfluidic systems are more rapid than conventional, macroscopic laboratory processes, 

thus lower amounts of reagents and solvents are required [64]. The integration and 

parallelization benefits that microfluidic technology offers are exemplified in Figure 2.11. 

Hence, LoC is the technology that has at its disposal strong characteristics which can 

advance Point of Need Testing (PONT) [66]: Improvement of PONT is an eagerly anticipated 
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feature which will offer added value to the healthcare providers with evident gains as the 

transfer of specimens to laboratories seizes to be a requirement. 

 

Figure 2.11: MIcrofluidics (adapted from [67]). 

 

Although, LoC is a well-proven laboratory technology, few products have managed 

to achieve a widespread commercial use, with the most well-known being the test strips 

known as lateral-flow tests introduced in the late 1980s (tests for cardiac markers, 

pregnancy and drug abuse) [68], [69]. Apart from the strong advantages that LoC exhibits, 

there are also challenges to be addressed by engineers. One particularly miniaturization 

related issue that arises because of the microliters scale that LoC deals with, is the different 

way in which the chemical substances react at this micro-scale in comparison to the macro-

scale-laboratory processes. Surface roughness and tension, adhesive forces between the 

liquid and solid walls of the tubing and chemical interactions are of crucial importance at this 

scale, thus it is not generally possible to simply scale down macro-devices and expect them 

to work in microfluidic applications [70],[64]. It has been found that the miniaturization does 

not always improve the signal to noise ratio of the sensing device but it may decrease it 

relatively to ordinary approaches [71], [72]. 
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The most significant drawback that LoC currently faces is the lack of a mass 

manufacturing standard, preventing it from addressing the ASSURED criteria : Affordable, 

Sensitive, Specific, User-friendly, Rapid and robust, Equipment-free and Deliverable [73]. 

Currently, there is not a manufacturing method that is perceived to be able to cover these 

criteria. Thus, most LoC devices are not presently ready for mass production at competitive 

costs and are still mainly relevant to research laboratory settings. Another considerable 

handicap for the widespread use of LoC is the use of materials not ideally fitted for the mass 

production of high-performance devices. Silicon, glass, PDMS and paper are some of the 

most used materials in laboratories and have exhibited satisfactory results so far. However, 

silicon is too expensive for mass production when cm-scale LoC devices are needed, despite 

the advantage of a well-established manufacturing infrastructure. Glass is transparent 

(convenient for optical microfluidic testing) and biocompatible, but at the same time an 

expensive material lagging in electronics integration. PDMS is cheap, transparent, 

biocompatible, flexible and versatile but similarly to glass, it lacks in electronics integration 

thus the cost becomes unviable for advanced quantification applications. Paper is a fairly 

novel material for LoC [74] having exhibited moderate quantification sensitivity with more 

research required to unlock its full potential, especially in terms of microfluidic integration.  

In the near future, it is widely expected that LoCs will be routinely used in clinical 

practice [56]. It is not surprising that governments and funding sources are keen to help 

towards the rapid commercialization of LoC: the global LoC market is accounted for $4.23 

billion in 2016 and is expected to reach $7.95 billion by 2022 [75]. That being said, cost-

effective, scalable techniques have to be further explored to overcome the described LoC 

bottleneck. Suggested methods to face this challenge will be examined during this research 

degree and will be presented and discussed in the following chapter. 

 

2.6 Nanomaterials in biosensing 
 

Nanotechnology has greatly contributed to the ability to fabricate miniaturized 

devices and nano-scaled components on substrates. Nanomaterials are an important 

addition to the biosensing devices and especially to the LoC field due to their unique physical 

and chemical properties owing to their small dimensions [5]. More specifically, remarkable 

surface to volume ratio and compatible size range to biomolecules lead to high sensitivity 

[76]. Moreover, they demonstrate good biocompatibility [76] enabling them to support the 

functionalization to target biomolecules to achieve high specificity. For instance, an 

antibody-modified graphene FET was capable of specifically detecting CEA protein (cancer 

biomarker) in real-time with high sensitivity of <100 pg/mL[77]. For this case, the graphene 

surface modification was performed by a non-covalent functionalization and π-stacking 

using a pyrene and a reactive succinimide ester group. Figure 2.12 shows the most used 

nanomaterials in biosensors and their frequency of use. Gold nanoparticles are the most 

popular nanomaterial followed by graphene based nanomaterials. Gold nanoparticles are 

suitable as stable immobilization sites for biomolecules [78], [79]. As reported by Dong et 

al.[80], graphene based transistors decorated with gold nanoparticles expand the upper limit 
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of DNA detection from 10 nM to 500 nM due to the increase in loading of probe DNA 

molecules. Gold nanoparticles are also used as signal amplification tags in optical (enhancing 

the electron transfer rate by 7 times [81]) and piezoelectric biosensors (amplifying the mass 

change and achieving higher LOD [82]).  

 Since the discovery of graphene by Geim and Novoselov [5] and its oxidized 

derivatives (graphene oxide and reduced graphene oxide), there are multiple reports of 

graphene based biosensors [83], [84], expanding the sensitivity and LOD values of 

conventional biosensors [14], [83], [84]. Graphene is an allotrope of carbon, thus it consists 

only from carbon atoms arranged in a different way than graphite or diamond. It is a two-

dimensional (2D) crystal atomic grid forming covalent bonds in a hexagonal structure  with a 

carbon to carbon distance of ao = 1.42 Å, large specific surface area (2630 m2/g)[85], superior 

electrical conductivity (200 S/m)[85] and is the building block for others allotrope forms of 

carbon. It can be rolled to form carbon nanotubes, or it can be wrapped to make fullerenes 

[5]. Graphene’s high quality 2D crystal structure enhances the signal to noise ratio making it 

so electronically quiet that even single-molecule LOD is in theory feasible [86],[87]. This is 

also an answer to the aforementioned issue of decreased signal to noise ratio that is found 

in many cases regarding LoC devices.  

However, graphene has also disadvantages which may limit its applications. For 

example, the lack of intrinsic band gap leads to graphene transistors that are characterized 

by increased stand-by power consumption and poor on/off ratio [85]. Fortunately, 

graphene’s discovery initiated the exploration of other 2D nanomaterials which possibly 

demonstrate superior characteristics. Among others, these materials include hexagonal 

boron nitride (hBN), transition metal dichalcogenides (TMDCs: MoS2, MoSe2, WS2, etc.) and 

transition metal oxides (TMOs: LaVO3, LaMnO3) [85] and for this reason, MoS2 is also studied 

in this project as channel material of BioFETs . 

The following chapter introduces a novel and promising approach to tackle the 

above presented LoC drawbacks: the Lab-on-PCB. The focus is on the integration capabilities 

and the employed materials/processes needed to construct self-sufficient micro-total 

analytical systems. 
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Figure 2.12: Frequencies of the most commonly used nanomaterials in biosensors[88]. 

 

References 
 

[1] N. R. COUNCIL, Expanding the Vision of Sensor Materials. Washington, D.C.: 
NATIONAL ACADEMY PRESS, 1995. 

[2] J. Fraden, Handbook of Modern Sensors: Physics, Designs, and Applications. New 
York: Springer-Verlag, 2010. 

[3] G. Evtugyn, Biosensors : Essentials. Kazan: Springer, 2016. 

[4] D. R. Theavenot, K. Toth, R. A. Durst, and G. S. Wilson, “Electrochemical biosensors : 
recommended definitions and classification,” Pure Appl. Chem., vol. 71, no. 12, pp. 
2333–2348, 1999. 

[5] S.Papamatthaiou, “Chemical sensing study of reduced graphene oxide ( rGO ) 
devices,” Democritus University of Thrace, 2017. 

[6] L. Clark, “Monitor and control of blood and tissue oxygenation,” Trans. Am. Soc. Artif. 
Intern. Organs, vol. 2, no. 1, pp. 41–48, 1956. 

[7] L. Clark and C. Lyons, “Electrode systems for continuous monitoring in cardiovascular 
surgery,” Ann. N. Y. Acad. Sci., vol. 102, no. 1, pp. 29–45, 1962. 

[8] S. Durst and G. Hicks, “The Enzyme Electrode,” Nature, vol. 214, no. 5092, pp. 986–
988, 1967. 

[9] G. Guilbault, D. Kramer, and P. Cannon, “Electrical Determination of 
Organophosphorous Compounds,” Anal. Chem., vol. 34, no. 11, pp. 1437–1439, 1962. 

[10] G. Guilbault and J. Montalvo, “An Improved Urea Specific Enzyme Electrode,” Anal. 
Lett., vol. 2, no. 5, pp. 283–293, 1969. 



46 
 

[11] K. Di Gleria, H. A. O. Hill, C. J. Mcneil, and M. J. Green, “Homogeneous Ferrocene-
Mediated Amperometric Immunoassay,” Anal. Chem., pp. 1203–1205, 1986. 

[12] C. J. Mcneil, D. Athey, and W. O. Ho, “Direct electron transfer bioelectronic 
interfaces : application to clinical analysis,” Biosens. Bioelectron., vol. 10, no. 1–2, pp. 
75–83, 1995. 

[13] G. G. Guilbaul, M. Pravda, M. Kreuzer, and C. K. O’Sullivan, “Biosensors—42 Years and 
Counting,” Anal. Lett., vol. 37, no. 8, pp. 1481–1496, 2004. 

[14] N. Bhalla, P. Jolly, N. Formisano, and P. Estrela, “Introduction to Biosensors,” Essays 
Biochem., vol. 65, no. 1, pp. 1–8, 2016. 

[15] P. Bergveld, “Development , Operation , and Application of the Tool for 
Electrophysiology,” IEEE Trans. Biomed. Eng., vol. 19, no. 5, pp. 342–351, 1972. 

[16] C. Romm, “Why the Home Pregnancy Test Was Revolutionary,” The Atlantic, 2018. 
[Online]. Available: https://www.theatlantic.com/health/archive/2015/06/history-
home-pregnancy-test/396077/. [Accessed: 15-Nov-2018]. 

[17] J. Janata, “Immunoelectrode,” J. Am. Chem. Soc., vol. 97, no. 10, pp. 2914–2916, 
1975. 

[18] M. Aizawa et al., “An enzyme immunosensor for IgG,” J. Solid-Phase Biochem., vol. 1, 
pp. 319–328, 1976. 

[19] S. Caras and J. Janata, “Field effect transistor sensitive to penicillin,” Anal. Chem., vol. 
52, no. 12, pp. 1935–1937, 1980. 

[20] K. Volkl, N. Opitz, and D. Lobbers, “Continuous measurement of concentrations of 
alcohol using a fluorescence-photometric enzymatic method,” Fresenius’ Zeitschrift fr 
Anal. Chemie, vol. 301, no. 2, pp. 162–163, 1980. 

[21] B. O. Liedberg, C. Nylander, and I. Lunström, “Surface plasmon resonance for gas 
detection and biosensing,” Sensors and Actuators, vol. 4, pp. 299–304, 1983. 

[22] G. Guilbault, “Determination of formaldehyde with an enzyme-coated piezoelectric 
crystal detector,” Anal. Chem., vol. 55, no. 11, pp. 1682–1684, 1983. 

[23] K. J. Odenthal and J. J. Gooding, “An introduction to electrochemical DNA 
biosensors,” Analyst, no. i, pp. 603–610, 2007. 

[24] K. Millan and Susan Mikkelsen, “Sequence-selective biosensor for DNA based on 
electroactive hybridization indicators,” Anal. Chem., vol. 65, no. 17, pp. 2317–2323, 
1993. 

[25] A. Mulchandani, “Principles of Enzyme Biosensors,” in Enzyme and Microbial 
Biosensors, Springer, 1998, pp. 3–14. 

[26] M. Montagné, M. Erdmann, H. Comtat and J. Marty, “Comparison of the 
performances of two bi-enzymatic sensors for the detection of D-lactate,” Sensors 
Actuators B Chem., vol. 27, no. 1–3, pp. 440–443, 1995. 

[27] T. Hu, X. Zhang, Z. Zhang, and L. Chen, “A Screen-Printed Disposable Enzyme 
Electrode System for Simultaneous Determination of Sucrose and Glucose,” 
Electroanalysis, vol. 12, no. 11, pp. 868–870, 2000. 



47 
 

[28] T. M. Canh, “Microbial sensors,” in Biosensors, Boston: Springer, 1993, pp. 146–152. 

[29] Abcam.com, “KD value: a quantitative measurement of antibody affinity | Abcam.” 
[Online]. Available: https://www.abcam.com/primary-antibodies/kd-value-a-
quantitive-measurement-of-antibody-affinity. [Accessed: 26-Nov-2018]. 

[30] L. Cavacini, N. Greenspan, “Immunoglobulin function,” in Clinical Immunology: 
Principles and Practice, 4th ed., Elsevier, 2012, pp. 183–192. 

[31] M. Yang, M. E. Mcgovem, and M. Thompson, “Genosensor technology and the 
detection of interfacial nucleic acid chemistry,” Anal. Chim. Acta, vol. 346, pp. 259–
275, 1997. 

[32] N. Mayer and M. Famulok, “Aptamer Modules as Sensors and Detectors,” Acc. Chem. 
Res., vol. 44, no. 12, pp. 1349–1358, 2011. 

[33] Y. Lei, W. Chen, and A. Mulchandani, “Microbial biosensors,” Anal. Chim. Acta, vol. 
568, pp. 200–210, 2006. 

[34] S. F. D. Souza, “Microbial biosensors,” Biosens. Bioelectron., vol. 16, pp. 337–353, 
2001. 

[35] J. S. Sidwell and G. A. Rechnitz, “Progress and Challenges for Biosensors Using Plant 
Tissue Materials,” Biosensors, vol. 2, pp. 221–233, 1986. 

[36] A. Xiwei, Z. Cong, B. Zhao, L. Maria, and P. David, “ANALYTICAL METHODS FOR 
KINETIC STUDIES OF BIOLOGICAL INTERACTIONS: A REVIEW,” J. Pharm. Biomed. 
Anal., 2015. 

[37] H. C. G. H. P. J. Worsfold, “WATER ANALYSIS | Freshwater,” in Encyclopedia of 
Analytical Science, 2005. 

[38] S. Dzyadevych and N. Jaffrezic-Renault, “Conductometric biosensors,” in Biological 
Identification DNA Amplification and Sequencing, Optical Sensing, Lab-On-chip and 
Portable Systems, Publisher, 2014. 

[39] C. S. Lee, S. Kyu Kim, and M. Kim, “Ion-sensitive field-effect transistor for biological 
sensing,” Sensors, vol. 9, no. 9, pp. 7111–7131, 2009. 

[40] L. Kergoat, B. Piro, M. Berggren, G. Horowitz, and M. C. Pham, “Advances in organic 
transistor-based biosensors: From organic electrochemical transistors to electrolyte-
gated organic field-effect transistors,” Anal. Bioanal. Chem., vol. 402, no. 5, pp. 1813–
1826, 2012. 

[41] E. P. Córcoles and Martyn G. Boutelle, Biosensors and Invasive Monitoring in Clinical 
Applications. Springer Science & Business Media, 2013. 

[42] A. Syahir, K. Usui, K. Tomizaki, K. Kajikawa, and H. Mihara, “Label and Label-Free 
Detection Techniques for Protein Microarrays,” Microarrays, vol. 4, no. 2, pp. 228–
244, 2015. 

[43] P. Estrela, “Molecular Analysis: BioFET Detection Sensors,” in Handbook of Biochips, 
New Yorker: Springer, 2015, pp. 1–19. 

[44] A. Anam, “Biosensor: Concept, Classification and Applications,” Excel J. Eng. Technol. 
Manag. Sci., vol. 1, no. 6, 2015. 



48 
 

[45] Pavel Damborsky, J. Svitel, and J. Katrlik, “Optical biosensors,” Essays Biochem, vol. 
60, no. June, pp. 91–100, 2016. 

[46] C. Chen and Junsheng Wang, “Optical Biosensors: an exhaustive and comprehensive 
review,” Analyst, 2020. 

[47] G. Dutta, J. Rainbow, U. Zupancic, S. Papamatthaiou, P. Estrela, and D. Moschou, 
“Microfluidic Devices for Label-Free DNA Detection,” Chemosensors, vol. 6, no. 4, p. 
43, 2018. 

[48] M. Estevez, M. A. Otte, B. Sepulveda, and L. M. Lechuga, “Trends and challenges of 
refractometric nanoplasmonic biosensors : A review,” Anal. Chim. Acta, vol. 806, pp. 
55–73, 2014. 

[49] “About Abbott Diabetes Care | FreeStyle Glucose Meters,” Freestylediabetes.co.uk, 
2018. [Online]. Available: https://freestylediabetes.co.uk/about-us. [Accessed: 11-
Nov-2018]. 

[50] P. Jolly, N. Formisano, and P. Estrela, “DNA aptamer-based detection of prostate 
cancer,” Chem. Pap., vol. 69, no. 1, pp. 77–89, 2015. 

[51] R. Singh, M. Das Mukherjee, G. Sumana, R. K. Gupta, S. Sood, and B. D. Malhotra, 
“Biosensors for pathogen detection: A smart approach towards clinical diagnosis,” 
Sensors Actuators B. Chem., vol. 197, pp. 385–404, 2014. 

[52] L. Sutarlie, S. Y. Ow, and X. Su, “Nanomaterials-based biosensors for detection of 
microorganisms and microbial toxins,” Biotechnol. J., vol. 12, no. 4, pp. 1–25, 2016. 

[53] G. Sharma, T. Ramanathan, R. Rakwal, R. Agrawal and V. Bansal, “Moving forward in 
plant food safety and security through NanoBioSensors: Adopt or adapt biomedical 
technologies?,” Proteomics, vol. 15, no. 10, pp. 1680–1692, 2015. 

[54] J. Tamayo, A. D. L. Humphris, A. M. Malloy, and M. J. Miles, “Chemical sensors and 
biosensors in liquid environment based on microcantilevers with amplified quality 
factor,” Ultramicroscopy, vol. 86, no. 1–2, pp. 167–173, 2001. 

[55] R. L. Edelstein, C. R. Tamanaha, P. E. Sheehan, M. M. Miller, L. Baselt, D R Whitman, 
and R. Colton, “The BARC biosensor applied to the detection of biological warfare 
agents,” Biosens. Bioelectron., vol. 14, no. 10–11, pp. 805–813, 2000. 

[56] D. Moschou and A. Tserepi, “The lab-on-PCB approach: tackling the μTAS commercial 
upscaling bottleneck,” Lab Chip, vol. 17, no. 8, pp. 1388–1405, 2017. 

[57] C. Yong-jia and Y. Hui, “Progress of Microfluidics Based on Printed Circuit Board and 
its Applications,” Chinese J. Anal. Chem., vol. 47, no. 7, pp. 965–975, 2019. 

[58] G. Nikoleli, C. G. Siontorou, D. P. Nikolelis, S. Bratakou, S. Karapetis, and N. Tzamtzis, 
Biosensors Based on Microfluidic Devices Lab-on-a-Chip and Microfluidic Technology. 
Elsevier Inc., 2018. 

[59] A. Manz, N. Graber, and H. M. Widmer, “Miniaturized Total Chemical Analysis 
Systems : a Novel Concept for Chemical Sensing,” pp. 244–248, 1990. 

[60] Dimitrios P. Nikolelis, Theodoros Varzakas, Arzum Erdem, and Georgia-Paraskevi 
Nikoleli, Portable Biosensing of Food Toxicants and Environmental Pollutants, 1st ed. 



49 
 

CRC press, 2013. 

[61] “Research,” Iap.iisc.ac.in, 2018. [Online]. Available: 
http://iap.iisc.ac.in/~saisiva.gorthi/research.html#. [Accessed: 22-Nov-2018]. 

[62] Dae Mann Kim and Y.-H. Jeong, Nanowire Field Effect Transistors: Principles and 
Applications. Springer Science & Business Media, 2013. 

[63] G. M. Whitesides, “The origins and the future of microfluidics,” Nature, vol. 442, no. 
July, pp. 368–373, 2006. 

[64] E. Yildiz-ozturk and O. Yesil-celiktas, “Diffusion phenomena of cells and biomolecules 
in microfluidic devices,” Biomicrofluidics, vol. 9, no. 052606, pp. 0–18, 2015. 

[65] B. E.Rapp, Microfluidics: Modelling, Mechanics and Mathematics. Elsevier, 2017. 

[66] D. Moschou, T. Trantidou, A. Regoutz, D. Carta, H. Morgan, and T. Prodromakis, 
“Surface and electrical characterization of Ag/AgCL pseudo-reference electrodes 
manufactured with commercially available PCB technologies,” Sensors (Switzerland), 
vol. 15, no. 8, pp. 18102–18113, 2015. 

[67] I. Palchetti and M Mascini, “Biosensor Technology: A Brief History,” in Sensors and 
Microsystems, 2009, pp. 15–23. 

[68] D. Mark, S. Haeberle, G. Roth, F. Von Stetten, and R. Zengerle, “From microfluidic 
application to nanofluidic phenomena issue Reviewing the latest advances in 
microfluidic and nanofluidic,” no. 3. 

[69] S. A. . Hermsen, B. Roszek, A. W. van Drongelen, and R. E. Geertsma, “Lab-on-a-ch 
devices for clinical diagnostics,” RIVM Rep. 

[70] D. J and Zengerle R, Flow map microfluidics roadmap for the life sciences. FlowMap 
consortium & EC, 2004. 

[71] U. Engel and R. Eckstein, “MicroformingÐfrom basic research to its realization,” J. 
Mater. Process. Technol., vol. 126, no. January, pp. 35–44, 2002. 

[72] “Introduction to lab-on-a-chip 2015 : review, history and future - Elveflow,” Elveflow. 
[Online]. Available: https://www.elveflow.com/microfluidic-tutorials/microfluidic-
reviews-and-tutorials/introduction-to-lab-on-a-chip-2015-review-history-and-future/. 
[Accessed: 23-Nov-2018]. 

[73] A. K. Yetisen, M. S. Akram, and C. R. Lowe, “Paper-based microfluidic point-of-care 
diagnostic devices,” Lab Chip, pp. 8–15, 2013. 

[74] M. Sher, R. Zhuang, U. Demirci, and W. Asghar, “Paper-based analytical devices for 
clinical diagnosis : recent advances in the fabrication techniques and sensing 
mechanisms,” Expert Rev. Mol. Diagn., vol. 0, no. 0, 2017. 

[75] K. Pal, H.-B. Kraatz, A. Khasnobish, S. Bag, I. Banerjee, and U. Kuruganti, Eds., 
Bioelectronics and Medical Devices, From Materials to Devices - Fabrication, 
Applications and Reliability, 1st Editio. Woodhead Publishing, 2019. 

[76] Marcelo Caraballo et al., “Overview of Electrochemical DNA Biosensors: New 
Approaches to Detect the Expression of Life,” sensors, pp. 3122–3148, 2009. 



50 
 

[77] L. Zhou et al., “Label-free graphene biosensor targeting cancer molecules based on 
non-covalent modification,” Biosens. Bioelectron., 2016. 

[78] Y. Li, H. J. Schluesener, and S. Xu, “Gold nanoparticle-based biosensors,” Gold Bull., 
vol. 43, no. 1, pp. 29–41, 2010. 

[79] P. Jiang, Y. Wang, L. Zhao, C. Ji, D. Chen, and L. Nie, “Applications of Gold 
Nanoparticles in Non-Optical Biosensors,” nanomaterials, pp. 1–23, 2018. 

[80] X. Dong, Y. Shi, W. Huang, P. Chen, and L. J. Li, “Electrical detection of DNA 
hybridization with single-base specificity using transistors based on CVD-grown 
graphene sheets,” Adv. Mater., vol. 22, no. 14, pp. 1649–1653, 2010. 

[81] Y. Xiao, F. Patolsky, E. Katz, and J. F. Hainfeld, “‘ Plugging into Enzymes ’: Nanowiring 
of Redox Enzymes by a Gold Nanoparticle,” Science (80-. )., vol. 299, no. MARCH, pp. 
1877–1882, 2003. 

[82] T. Liu and L. Jiang, “The enhancement effect of gold nanoparticles as a surface 
modifier on DNA sensor sensitivity,” Biochem. Biophys. Res. Commun., vol. 313, pp. 
3–7, 2004. 

[83] E. Morales-Narvï¿½ez, L. Baptista-Pires, A. Zamora-Gï¿½lvez, and A. Merkoï¿½i, 
“Graphene-Based Biosensors: Going Simple,” Adv. Mater., vol. 29, no. 7, 2017. 

[84] K. Matsumoto, K. Maehashi, Y. Ohno, and K. Inoue, “Recent advances in functional 
graphene biosensors,” J. Phys. D. Appl. Phys., vol. 47, no. 9, 2014. 

[85] K. Shavanova et al., “Application of 2D Non-Graphene Materials and 2D Oxide 
Nanostructures for Biosensing Technology,” sensors, vol. 16, no. 223, pp. 1–23, 2016. 

[86] H. Arjmandi-tash, L. A. Belyaeva, and F. Schneider, “Single molecule detection with 
graphene and other two-dimensional materials: nanopores and beyond,” Chem. Soc. 
Rev., 2015. 

[87] F. Schedin et al., “Detection of individual gas molecules adsorbed on graphene,” Nat. 
Mater., vol. 6, no. 2, pp. 652–655, 2007. 

[88] M. Azimzadeh, M. Rahaie, N. Nasirizadeh, M. Daneshpour, and H. Naderi-Manesh, 
“Electrochemical miRNA Biosensors : The Benefits of Nanotechnology,” 
Nanomedicine Res. J., vol. 2, no. 1, pp. 36–48, 2017. 

 

 



51 
 

 

 

Chapter 3: Lab-on-PCB 

 
The Lab-on-Printed Circuit Board (Lab-on-PCB) is presently considered as a 

promising candidate to address the previously described challenges that LoC currently faces 

[1],[2],[3]. The Lab-on-PCB approach has demonstrated enormous potential for developing 

economical electronics-enabled diagnostic platforms leveraging the advantage provided by 

economy of scale manufacturing of the long-standing PCB industry. The integration 

capabilities that the PCB platform introduces to the LoC concept regarding the electronics 

and microfluidics seem to be unique. 

3.1 PCB technology overview 
 

 PCB manufacturing is a mature and well-established industry for over 70 years. It 

has massively contributed to the evolution of the consumer electronics by reducing the size 

and the cost of the circuitry. PCBs are typically composed of planar insulating layers such as 

an FR4 core (NEMA grade designation, consisting of woven fiberglass cloth with an epoxy 

resin binder that is flame resistant.  ‘FR’ stands for ‘flame retardant’ and denotes that the 

material complies with UL94VO [4]) and conducting metallic layers, usually copper. In short, 

a typical fabrication process comprises photolithography for transferring the design on 

copper, followed by wet etching of copper to form the copper tracks. Subsequently, vias 

(holes) are drilled with electroplating enabling the interlayer connection, where desired [1]. 

Contemporary PCB infrastructure is capable of comparable manufacturing precision and 

quality to the micrometre-scale semiconductor industry. PCBs have evolved in complex, 

multilayer structures, with up to 50 layers and the capacity to go beyond 100 [5],[6]. This 

technology claims the potential to apply the benefits it introduced to the electronics 

industry to the LoC field, thus promising a similar impact regarding the broadening of 

consumer access to bioelectronics. More specifically, Lab-on-PCB offers effortless electronics 

integration, eliminating the need for deposition methods that require expensive clean-room 

facilities. Indeed, this applies not only to the electrical tracks and sensing electrodes but also 

to the uncomplicated customization of the device with electronic components that are 

required, in many cases, for sensitivity and reliability improvement [7]. In many instances, 

this may include micro-heaters, amplifiers, filters, optoelectronics and control circuitry.  

The microfluidic integration is achievable with standard PCB industry equipment and 

practices (or newly developed PCB compatible), aiming to produce devices ready to be used 

directly out of the factory. Interestingly, the usual dimensions of the microfluidic features 

incorporated in the bioelectronic devices are in the range of 50 μm - 100 mm [8]. This 

characteristic perfectly matches the standard PCB machinery capabilities making redundant 

the highly precise and complex Si technology offering nm-scale features [9]. Compared to 

the glass technology, single layer PCB can be individually purchased for $0.20/cm2, while a 4 
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layer board can be purchased for $0.52/cm2, as opposed  to glass microfluidic chips that cost 

on the order of $10–20 per cm2 [1]. Another convenient asset of the PCB industry is the 

fabrication of flexible printed boards, equally useful in biosensing applications [1],[9]. In 

addition, environmental concerns about the disposability of Lab-on-PCBs are alleviated by 

the already established recycling facilities and standardized processes of the PCB industry. 

Hence, it is suggested that the sought-after radical change in the clinical analysis and 

diagnostic testing fields towards a non-laboratory scheme can be realized by the industrial-

scale compatible technology of PCBs.   

 

3.2 PCB materials overview 
 

Following the PCB technology overview, a synopsis of the materials used in the PCB 

industry along with the respective properties are provided here. PCBs are generally made of 

silkscreen, solder mask, copper and substrate.  

The substrate offers many choices. As already mentioned above, FR4 is the most 

widely used PCB substrate. Its main advantage is the low-cost demonstrating ease of drilling 

and metallisation. FR4 is essentially responsible for the low-cost production of PCBs while it 

is characterised by fairly decent thermal and electrical properties. The disadvantages of FR4 

are mainly the high dissipation factor (high dielectric loss at microwave frequencies) and the 

low-thermal conductivity which may limit its usage for high-power applications. Ceramics 

are alternative materials to FR4. They exhibit similar flexural strength values and dielectric 

strength to FR4 but they excel at the dissipation factor and thermal conductivity. 

Importantly, the operation temperature limit of ceramics is considerably higher than FR4: 

350 ˚C for alumina (Al2O3), the most used ceramic PCB substrate, whereas 130 ˚C for FR4. 

Another advantage that ceramics offer is the increased interlayer connection density. This is 

due to the simultaneous ceramic layers baking and sintering of gold or silver pastes which 

enables easy integration of passive components into the inner PCB layers [10]. This cannot 

be done with FR4 due to the low operation temperature. Other PCB ceramics include 

aluminum nitride (AIN) and beryllium oxide (BeO). Table 3.1 summarizes the parameters 

values of FR4 and alumina found at [11], [12], [13].  

Table 3.1. Comparison of FR4 and alumina for PCB substrates.  

 
Thermal 

conductivity 
(W/mK) 

Dielectric 
strength 
(MV/m) 

Flexural 
strength 

crosswise 
(MPa) 

Operation 
temperature 
limit (°C) 

Dissipation 
factor 

FR4 0.3 20 345 

~130 (low-Tg 
laminates) or 
~170 (high-

Tg 
laminates) 

0.017 

Alumina 170 13.4 379 350 0.0001 
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CEM-1 (Composite Epoxy Material, NEMA classification) is a cheaper alternative to 

FR4. It is made from paper, two layers of woven glass epoxy and phenol compounds. 

Interestingly, it is solely used for single layer boards as the laminates are not suitable for vias 

metallization. It has the same flammability rating as FR4 (UL94-V0) with similar dielectric 

properties but with inferior mechanical endurance [12] 

Flexible substrates enable the implementation of PCBs in wearable applications and 

support remote-operation under environmental hazards. These materials are usually water-

proof, vibration-proof and corrosion-resistant, contrary to the majority of the rigid-substrate 

materials. Plastics or epoxies are formed around a glass weave to acquire rigidity.  

Polytetrafluoroethylene (PTFE) is preferred for antennas and power amplifiers exhibiting low 

dissipation factor. Teflon is the most well-known brand-name for PTFE. For applications that 

demand resistance to temperature, radiation and chemicals (e.g. X-ray machines, Γ-rays 

machines and aircraft electronics), polyether ether ketone (PEEK) is preferred.   

All in all, FR4 seems to be more than adequate material to host Lab-on-PCB 

applications as it is also shown by the presented device examples in the following sub-

chapter. FR4 is the industry standard substrate offering versatile manufacturing with 

decreased cost. However, ceramic alternative materials should be considered for 

applications that demand higher temperature processes (>170 oC) and most likely these 

could include thermal sintering of functional inks. It stands to reason that flexible substrates 

is the way for wearable devices.  

 

3.3 Diagnostic device examples 
 

Since the late 1990s, the concept of Lab-on-PCB has progressed from the early 

devices, demonstrating proof of concept microfluidic operation and chemical/biosensing 

capabilities [8],[14],[15],[16],[17] to the more recent, self-sufficient diagnostic platforms 

adding on the proven benefits of the PCB implementation and the additional 

experience/knowledge regarding the manufacturing methods. Recently, there has been a 

significant proliferation of reports about PCB integrated diagnostic devices as the system-

level integration of LoC (and major reason for the LoC commercial bottleneck) has been 

brought under the spotlight [1],[2],[3]. Increasing numbers of reports benchmark their 

results to standard, non-PCB devices or traditional benchtop methods.   

Marshall et al. [18] from Stanford University integrated mixing, thermal lysis of 

whole blood and nucleic acid isotachophoresis (ITP) extraction-purification on a PCB chip 

with microfluidic structure made from polyurethane. Their results were comparable to 

results from their protocol using standard off-chip lysis and a glass capillary for ITP [19]. The 

validation of their on-chip lysis and extraction was performed with off-chip quantitative 

polymerase chain reaction (qPCR). The integration of PCR in a PCB-based device that is also 

capable of sample preparation and subsequent DNA detection was firstly reported in 2004 

by Liu et al. [20], as shown in Figure 3.1 (a). On a similar note, Moschou et al. [21],[22] 

presented a more PCB industry compatible μPCR device as the fluidic compartments were 
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made by laminating polyimide films (Dupont PC1015) on the PCB board and the micro-

heaters (necessary for the thermal cycles) were made on the copper layer (Figure 3.1 (b)). 

The μPCR module fed a label-free, silicon-based, capacitive DNA-sensor for mutations of the 

KRAS gene, responsible for colon cancer. This continuous flow μPCR device was further 

explored and improved by the same group in terms of amplification speed and power 

consumption increasing the possibility of developing portable, battery-operated μPCR 

[23],[24]. The utilization of robust sealing (withstanding 12 bars), always with completely 

PCB manufacturable processes in the established industry, enabled the group to increase the 

channel length and the flow velocity (15 ml/min) and further decrease the amplification time 

to 2 min, rendering it one of the fastest device in the literature regardless of the material 

[24]. 

Continuing to the recent PCB devices which specifically focus on biological sensing 

(as summarized by Table 3.1), a carbon nanotube based PCB electrode array (Figure 3.1 (c)) 

demonstrated comparable sensing performance, towards simultaneous amperometric 

detection of lactate and glucose [25], to more complicated carbon based sensors. Inkjet-

printing was employed to deposit graphene on the working electrode of a flexible PCB 

electrochemical sensor for wearable bio-electronics regarding continuous glucose sensing 

[9]. Gold nanoparticles were electrodeposited on graphene to enhance the response. 

Protein detection by PCB devices has also been accomplished. Jacobs et al. [26] sputtered 

ZnO on PCB chips to detect a protein biomarker for cardiovascular diseases. Their aim was to 

exploit the inherently nano-textured ZnO surfaces for electrochemical biosensing on the cost 

effective PCB platform. Screen-printed silver electrodes were made by means of 

conventional PCB technology to detect CEA protein, a cancer biomarker [27]. A novel 

antibody-like biomimetic material was used as the biorecognition element resulting in 

sensitive (pg CEA per mL), rapid (maximum incubation period of 15 min) and precise 

(repeatable signals with a maximum of 5% change) performance offered at tens times lower 

cost compared to similar commercial devices.  

On another instance, Coulter principle was applied to enumerate tumor cells on a 

PCB chip [28],[29] showing comparable performance to a commercial cytometer with the 

added benefit of PoC capability. Sanchez et al. achieved an impressive selectivity of seven 

breast cancer gene markers with LOD of 25 pM by multiplex amplification and detection of 

mRNA on gold PCB electrode-arrays [30]. Furthermore, Jolly et al. developed a DNA 

microfluidic sensor by immobilizing PNA probes on PCB gold micro-electrodes [31]. They 

announced the lowest LOD = 57 fM for electrochemical DNA sensors on PCB electrodes.  

Special mention has to be made to the work of Moschou et al. [32] in which a 

commercially available assay for IFN-γ detection (a cytokine that is measured in clinical 

laboratories to aid in the diagnosis of tuberculosis (TB) infection [33]) was successfully 

incorporated in a double-layer PCB chip, consisted of the reference electrode layer (silver 

plated) and the sensing electrode layer (gold plated). The first layer also included cylindrical, 

gold-plated micro-chambers for the solution handling. The described chip is shown in Figure 

3.1 (d). This platform was later upgraded to a microfluidic one, optimized for microfluidic 

diffusion kinetics[34]. These works were two of several assisted by partnerships between 
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academia and PCB industry [1],[35],[36],[37],[38],[39] showing the up-scaling potential of 

the PCB platform for LoC applications and positively paving the way to commercial products.    

Table 3.2. PCB based devices for μTAS applications. 

Application/Feature Analyte  Sensor technology  
Microfluidic/fluid 
handling 
technology 

Reference 

Continuous sampling Glucose Enzyme   
Dry film resist, glass 
cover 

[16] 

 Glucose-lactate 
Electrochemical 
(Amperometric) 

Dry film resist, glass 
wafer 

[15] 

 Glucose 
Electrochemical 
(Amperometric) 

Dry film 
resist/PDMS 

[37]/[9] 

 Glucose 
Electrochemical 
(Amperometric, CV & EIS) 

 [40] 

 Glucose-lactate 
Electrochemical 
(Amperometric) 

 [25][41] 

 H2O2 Electrochemiluminescence 
Dry film resist and 
glass cover 

[42] 

Capacitively coupled 
contactless conductivity 
detection  

Inorganic cations Electrochemical 
PDMS and dry film 
resist 

[43] 

Lysis and isotachophoresis 
Nucleic acids (Malaria 
detection) 

Optical Dry film resist [44] 

Continuous flow μPCR 
module 

KRAS gene (colon 
cancer) 

Capacitive 
Laminated 
polyimide films 

[21][22][45][23] 

Sample preparation, μPCR 
Esherichia coli K12 
detection 

Electrochemical 
(eSensor™ microarray) 

Machined 
polycarbonate 
sealed by a thin PC 
layer 

[20] 

Three electrode sensor 
integrated with qPCR 

Quantification of 
amplification product 
of qPCR 

Electrochemical (CV) 
SU-8, commercial 
sterilized chambers 
adhesively bonded 

[46] 

 
Circulating tumor 
cell/metal 
compounds 

Electrochemical (EIS) PDMS [47]/[48] 

 Tumor cell 
Electrochemical 
(impedance) 

PDMS [7] 

 
Enumeration of 
tumor cells 

Electrochemical 
(impedance) 

PDMS [28][29] 

Microfluidic active control 
diluter 

Tetramethybenzadine 
(TMB) 

Electrochemical 
(Amperometric) 

Dry film resist [49] 

 
CEA antigen / HPV 
DNA target 
recognition 

Circular diaphragm 
resonator  

Machined PMMA [50] 

 
DNA separation & 
detection 

Electrochemical 
(Amperometric) 

PDMS [51] 

 
IFN-γ sensor for 
tuberculosis 

Electrochemical 
(Amperometric) 

PMMA [32] 

 DNA Electrochemical (EIS) PMMA sealed by [31] 
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thin FR-4 

 
Serum protein–PAH 
adducts 

Hall effect Glass [52] 

 
Protein biomarker for 
cardiovascular 
diseases (Troponin-T) 

Electrochemical (EIS) PDMS [26] 

 
CEA protein (cancer 
biomarker) 

Electrochemical (DPV)  [27] 

 mRNA 
Electrochemical 
(Amperometric) 

PMMA [30] 

 
 

(a)  
 

(b)  
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(c) 

 
 

 
 
 
(d) 

 

Figure 3.1: (a) Left: Schematic of the plastic fluidic chip. Pumps 1-3 are electrochemical 

pumps, and pump 4 is a thermopneumatic pump, Right: Photograph of the integrated device 

that consists of a plastic fluidic chip, a printed circuit board (PCB), and a Motorola eSensor 

microarray chip ([20]), (b) Lab-on-PCB chip featuring μPCR and DNA-silicon sensor with 

laminated polyimide films ([22]), (c) Photograph of the array chip used for multi-biosensors 

base. The four gold rings are to be modified to work as Ag/AgCl reference electrodes, the 

four larger disk electrodes within the ring electrodes work as counter electrodes, the sixteen 

smaller disk electrodes are to be fabricated as lactate, glucose sensors and sensor layers 

without enzyme as interference detection sensors ([25]), (d) commercially fabricated micro-

chambers used for IFN-γ detection ([32]). 

 

The key features of an ideal Lab-on-PCB device should be the suitability for large-

scale manufacturing and the compatibility with the already established, or easily adopted to, 

PCB-industry processes in order to be suitable for end-use right out of the production line. 

The materials and the employed processes for the microfluidic integration can vary, as Table 

3.2 shows.  In several cases, the microfluidic integration is accomplished by bonding the 

fluidic compartment, usually made from glass/PMMA/PDMS, on the PCB chip which houses 

the electronics. For this approach, apart from the fact that new materials have to be 

introduced to the PCB industry (even though the dry film resists seem to be fit for adoption 

since the DuPont™ Riston® dry film photoresist has been successfully adopted [53]), 

processes like molding or spin-coating are alien to the PCB industry.  Conversely, the channel 

formation directly on the PCB, i.e. by metal etching and essentially using the metallic layer’s 

thickness as the channel’s walls, is an example of the holistic integration simplicity that the 

Lab-on-PCB introduces into the LoC field aiming to trigger its anticipated commercialization. 

Research should be focused on standardizing a fluidic sealing process at a panel level for 

maximum up-scaling benefits, both in terms of materials and process parameters. In 

addition, the unification of the electronics and microfluidics manufacturing in the PCB 

industry mandates the same unifying practice in the design phase. Thus, the adoption of the 
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PCB industry standard CAD software to design the microfluidic structures of the Lab-on-PCB 

platform is a very recent ambition [54],[55]. Essentially, this is about the merge of the 

electronics design with the microfluidics design in a single CAD platform which will bring 

easier communication with the factory and unhindered implementation of the design to the 

manufacturing phase. The key steps that describe this idea are the layer stack manager 

configuration and the design rule check (DRC) set of the CAD software to facilitate the 

microfluidics design along with the creation of libraries solely for microfluidic and sensing 

related components. 

In conclusion, the PCB technology has been summarized and PCB-related diagnostic 

device examples have been presented here with the aim to provide a basic understanding of 

what the Lab-on-PCB concept offers. In the next chapter, the literature review of the two 

other main pillars of this project is concluded: BioFET-based DNA sensing and inkjet-printing 

technology for biosensing applications. Inkjet-printing is a compatible deposition method 

with the PCB industry as it is already used for the silk-screen layer formation.  
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Chapter 4: Bio-FETs and inkjet-printed diagnostic microsystems 
 

This chapter will explore the latest research progress regarding the DNA detection 

with Bio-FETs since this direction serves as the central point of research of this PhD project. 

In addition, inkjet-printing for sensing applications is introduced appearing to be the perfect 

match for biosensing applications as the latter do not require nm-scale capable technology.   

4.1 DNA detection using Bio-FET 
 

Biosensing applications that are related to nucleic acids are significant because they 

are aiding the diagnosis of several genetic and infectious diseases, food safety and drug 

screening [1],[2],[3].  

Typically, DNA Bio-FETs exploit the hybridization molecular biology technique [4]. 

DNA-DNA hybridization involves the immobilization of single stranded DNA (ssDNA) 

segments on a selected surface of the BioFET; depending on the BioFET layout, these 

surfaces can be either the semiconductor channel (Figure 4.1 (a)) or a solid dielectric on top 

of the channel (Figure 4.1 (b)). These DNA fragments have to be immobilized in a controlled 

fashion (i.e. specific spatial orientation, surface coverage) [2]. Usually, the capture ssDNA 

molecule is linked to the surface via a linker molecule, such as pyrene derivatives, gold 

nanoparticles and biotinylated bovine serum albumin (B-BSA) [5]. The immobilization 

efficiency of the DNA probes affects several quality factors of the BioFET like the reliability, 

the long-term stability, the response times and the sensitivity as they have to form 

accessible and robust trapping sites for the target ssDNA. A buffer solution contains the 

complementary target ssDNA and is in touch with the surface that contains the immobilized 

probes and the two ssDNAs form a double stranded DNA structure, called dsDNA. If the first 

part of the immobilization was successful, then the probe DNA will identify selectively the 

target DNA and an electrical signal change will be produced in the output, typically by the 

interference to the gate field effect induced by the charged target DNA. This is the most 

usual bio-recognition process for DNA-BioFETs. Direct immobilization of dsDNA has been 

also reported [5]. 
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Figure 4.1: Schematic of a BioFET with the (a) semiconductor channel in direct contact with 

the solution and [6] (b) the insulator between the channel and the solution [7].  

 

A condition that has to be fulfilled in order to have detection of the DNA 

hybridization by the FET device is to have this reaction inside the range of the Debye length. 

Debye length is the distance from the FET channel/electrolyte interface to the point where 

the redistribution of the charges due to the molecular binding is not screened out from the 

electrolyte ions. A strong electrolyte will reduce the Debye length. As a reference, 1x PBS 

exhibits a Debye length of 0.7 nm [8]. However, adopting an extremely weak electrolyte to 

obtain a more convenient Debye length is not always feasible as near-physiological 

conditions have to be maintained for the analyte molecules. The Debye length has to be 

considered for the selection of the receptor molecule. A longer receptor molecule will make 

it harder to detect the binding of any target molecule due to the minimal field effect to the 

channel current as the distance from the channel is further increased. Generally, an 

oligonucleotide is a much smaller macromolecule than a protein, about 0.34 nm, so the 

Debye length is not of such critical importance [9]. This is schematically depicted in Figure 

4.2. The charge strength is decreased to 1/e of its original value at a distance of one Debye 

length [5]. The Debye length is probably the greater limitation for affinity Bio-FETs. 
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Figure 4.2: Potential from surface distance in the presence of various target molecules [9]. 

 

Regarding the different types of Bio-FETs, there are two major categories ruled by 

the channel material: the traditional Si-based FET biosensor structure includes a planar 

channel architecture consisting of a flat channel region underlying a flat gate insulator and 

the nanostructured FET which usually employ Si nanowires, carbon nanotubes (CNTs), 

graphene related materials or other nanomaterials (e.g. MoS2) [8]. Due to the superiority 

that the latter classification has shown recently regarding LOD (high surface to volume ratio 

and comparable size of channel to target molecules, so less bindings are required to acquire 

signal), response time, smaller (an order of magnitude) effect from the ionic strength of the 

buffer solution over the more traditional one [8] and due to the focus of this research to 

novel nano-materials like graphene, a short review about graphene based DNA Bio-FETs will 

follow. 

The impact of nanomaterials in the biosensing discipline has been already discussed 

in Chapter 2. One-dimensional (1D) nano-materials such as single wall carbon nanotubes 

(SWCNT) and silicon nanowires have attracted the research interest offering the already 

discussed benefits of nano-materials. However, the difficulty of large-scale fabrication of 1D 

nano-materials which translates to high cost along with the elusive control of their structural 

and electronic properties, have rendered their use limited [10]. Besides, it has been 

discovered that two-dimensional (2D) nano-materials, with graphene currently leading the 

way [11], [12], [13], [14] for other 2D materials [15], [16], can expand the sensing capabilities 

to greater extent. The homogenous graphene surface is a more appropriate area for 

functionalization than 1D nano-materials [17]. Moreover, the ambipolar behaviour of 

graphene is an additional tool for chemical sensing as the majority type of charge carriers 
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can be selected by the gate bias. The sensing mechanism of 1D nano-materials is the 

induced field-effect by the binding of the charged target molecule to the probe molecule. At 

the same time, graphene sensors are not solely restricted to just the field effect for sensing; 

a) direct charge transfer from the analyte to graphene, b) change in the charge carrier 

scattering and c) change of pH values in the local environment [17] are sensing principles of 

graphene sensors due to its high carrier density, high mobility and exposure of each atom to 

the environment. It is interesting to highlight that non-charged analytes can be also detected 

by indirect graphene doping by altering the charge distribution within graphene [17]. 

Nevertheless, close investigation may be required to determine the sensing mechanisms for 

each case and the coexistence of contradicting sensing mechanisms may lead to decreased 

response.  

Contrary to the solid dielectric layout that is used for the typical Bio-FET, graphene 

based Bio-FET is utilized without a solid electrolyte on the top, leaving exposed its surface to 

the electrolyte. Graphene is a popular choice for the active material in electrolyte gated FETs 

(EGFETs) as its unique properties (e.g. direct doping effects) are better exploited by this 

“open” structure [17] which also conveniently allows direct access to its chemically 

adjustable surface. BioFETs display improved performance (i.e. increased transconductance: 

ΔΙout/ΔVin) when operated in electrolyte gated mode compared to the alternative back-gated 

[18], [19], [11], [20] owing to the few angstroms thick electric double layers (EDL) [19], [20], 

[21], [22] formed between the electrolyte-semiconductor and electrolyte-reference 

electrode interfaces.  

More specifically, as shown in Figure 4.3 (a), an electrolyte with mobile cations and 

anions is filled between the device channel and the reference electrode, and the EDLs are 

formed by applying the electric field. It has been found that the electrochemical gate is over 

two orders of magnitude more efficient than the conventional back-gate with hundreds of 

nm thickness of SiO2 [18], [23] (Figure 4.3 (b)). The distance between ions layer in 

electrolytes and charges layer in electrodes is approximately 1.0 nm, which is equivalent to 

the dielectric thickness of the EDL. Therefore, an EDL can be regarded as a nanogap 

capacitor with superior characteristic of large specific capacitance, and it can modulate the 

semiconductor channels electrostatically by accumulating charges at the interface with very 

low gate voltage. For example, a huge electric field was estimated as of 27 MV cm-1 by 

applying only 1.7 V of VG in ionic liquid-gated EDLT [24]. As a result, it is possible for 

realization of transistors operating at low voltage. High transconductance is a desirable 

feature for a BioFET as a tiny change in the gate bias (induced by charged analytes) will have 

a significant change in the channel current. Moreover, high transconductance increases the 

energy efficiency of a device as lower gate voltage is necessary to control the device current. 

Nevertheless, dual gated graphene based EGFET has been presented but mostly for device 

electrical characterization and evaluation of stability before performing the sensing 

measurements with the top gate pseudo-reference electrode [5]. Finally, back-gated 

graphene BioFET was developed for sensing based on intensity changes of the AC signal [25]. 
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Figure 4.3: (a) The conducting channel in an electrolyte-gated field-effect transistor. Note 

that an electrical double-layer forms at both the semiconductor–electrolyte and gate–

electrolyte interfaces. (b) Formation of the conducting channel in a back-gated BioFET. 

Adapted from [6]. 

 

Manoharan et al. [5] reported a graphene EGFET (mechanically exfoliated graphene 

on Si substrate) where 10 μM probe DNA in phosphate-buffered saline (PBS, pH 7.4) was 

directly immobilized on graphene by van der Waals dispersion forces. This resulted to left 

shift of the Dirac point (3.5 V to 2 V) due to n-doping of DNA on graphene. After the 

introduction of the target ssDNA (10 nM), further left shift of the VDirac was observed 

indicating successful complementary binding to the probe ssDNA. Additional left shift of the 

VDirac was detected for increased target ssDNA concentration, up to 1000 nM, where 

saturation was reached due to the limited ssDNA probes (Figure 4.4 (a)). They stated that 

the Debye length for their solution was less than 1 nm while the DNA probe along with the 

target was approximately 8 nm. Thus, the sensing mechanism was attributed to the charge 

transfer from the DNA to the graphene and not to the field effect.   

Additionally, Dong et al. [26] grew graphene on nickel (Ni) by means of CVD and 

transferred it to glass substrates in order to fabricate EGFETs for DNA sensing applications. 

They achieved detection of 0.01 nM complementary ssDNA (in PBS, pH 7.4) due to 

electronic-doping, again without a linker molecule between the graphene surface and the 

probe DNA. They also managed to extend the sensing range of their devices (from 10 nM to 

500 nM) by adding AuNPs before the thiolated probe DNA immobilization and thus 

increasing the amount of immobilized probes (Figure 4.4 (b)).   
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Chen et al. [27] demonstrated an EGFET which achieved detection of 1 pM DNA. 

CVD-grown graphene on Cu foil films was transferred on PMMA (alternatively Au) 

supporting substrate and then onto SiO2/Si. Different reference electrode materials were 

evaluated and silver was preferred over platinum due to the lower exhibited VDirac point 

which allows decreased gating bias (lower risk of large gate leakage). Graphite gate 

electrode was not favoured due to possible electrochemical reaction with graphene. The 

effect of PBS buffer concentration was also tested. As the concentration of the buffer 

solution increased (0.01x–10x), left shift of VDirac was noted owing to the stronger attraction 

of positive ions near the device surface which neutralize trapped negative charges 

(originated from the transfer procedure or the SiO2 itself). Thus, the holes-electrons 

neutrality point moved to the left to balance at the newly-acquired doping level. Increased 

buffer concentration caused decreased ssDNA sensitivity due to the increased charge 

screening (Figure 4.4 (c)) while the sensing mechanism was attributed to the change of the 

charged-impurity scattering upon DNA hybridization. An intermediate buffer concentration, 

about 1x, was selected as the best compromise to avoid increased gating voltage (compared 

to lower buffer concentrations) and also to have a more closely related environment to the 

biological conditions.    

Peptide nucleic acid (PNA) probes have been utilized, instead of DNA, for their 

inherent neutral charge. This proves to be advantageous for the hybridization as the 

repulsion between the negatively charged DNA sugar-phosphate backbone is eliminated 

with the neutral charge of the peptide-like backbone of the PNA. As a consequence, the 

PNA/DNA duplex demonstrates higher binding efficiency, thermal stability, and 

independence of the PNA/DNA duplex stability on the ionic strength of the solution in which 

hybridization is performed [28], [29]. Cai et al. [30] used PNA probes for oligonucleotides 

detection on reduced graphene oxide (rGO) EGFETs. RGO solution was drop-casted on the 

sensor surface (SiO2/Si) to form the channel and a silver wire was employed as the pseudo-

reference electrode to realize the liquid-gated FET. Remarkably, they reported one order of 

magnitude lower LOD (100 fM) than that of the previously reported (2014) graphene DNA 

FET based on DNA-DNA hybridization.    

Microfluidic integration of graphene EGFETs has been also employed to detect DNA 

showing great potential, due to the advantages offered by the microfluidics that are 

elaborated in Chapter 2. Xu et al. [31] reported a polydimethylsiloxane microfluidic channel 

fabricated on top of the CVD-grown graphene EGFET array. This channel was used for both 

the controllable delivery/clearing of analyte molecules and the graphene functionalization 

following the biotin–streptavidin-binding strategy with biotinylated DNA probes. An Ag/AgCl 

wire immersed in the electrolyte—inserted into the outlet tube—served as the pseudo-

reference electrode. They achieved exceptional LOD of 100 fM DNA and highlighted the 

compatibility of the microfluidics with the EGFET array concept as the fluidic channel 

conveniently serves all the devices of the array. Thus, sensor multiplexing is a promising 

format that would enable improved device performance taking advantage of the inherent 

advantages of microfluidics to create relatively complicated fluidic flow paths, especially in 

compact formats [32]. On this instance, it is interesting to note that microfluidic graphene 

EGFETs with PNA probes for DNA detection have not been reported in the literature. 
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More recently, Campos et al. [12] demonstrated one of the most sensitive DNA 

BioFETs reported in literature as they exhibited attomolar DNA detection (LOD: 25 aM) with 

single base mismatch selectivity (Figure 4.4 (d)). Similarly, they grew CVD graphene on Cu 

foils and transferred it to Si wafers using temporary PMMA substrate. The low LOD of their 

devices was attributed to the robust binding of the probe DNA on graphene owing to the 

linker molecule (1-pyrenebutyric acid succinimidyl ester (PBSE)), the increased surface 

density of the probes and the increased concentration of the hybridization buffer which 

alleviates the opposing forces between the probe and the target DNA strands. As far as the 

shift sign upon the target hybridization, they reported positive shift which is consisting of 

other reports that also used PBSE linkers. Focus on the DNA sensing mechanisms of 

graphene EGFETs will be presented in the following chapters along with the results of our 

devices for comparison. 

 

Figure 4.4: (a) Transfer characteristics of the top-gated graphene device. The transfer curve 

of the graphene device measured between the drain current vs. top gate voltage at Vd = 0.01 

V [5], (b) The shift of VDirac for the probe DNA immobilized graphene transistors upon adding 

various concentrations of complementary or one-base mismatched DNA molecules. 

Statistical data was based on three to four devices for each case. [26], (c) The VDirac as a 

function of the concentration of added target DNAs. The devices were measured in 10x, 1x 

and 0.1x PBS [27] and (d) Calibration curves for the BioFET sensor. Green squares refer to 

target DNA fully complementary to the probe and red circles to single-base mismatch target. 

The error bars are standard deviations of measurement with five different devices (after 

Guerreiro [12]). 
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At last, Table 4.1 lists BioFETs based on graphene related materials for DNA 

detection along with the employed linker molecule, LOD, fabrication technique, substrate 

and microfluidic integration technology. It would be an oversight to not note that the 

majority of these devices employ CVD grown graphene. Finally, there is no report on 

graphene BioFET implemented on a PCB platform. The few examples that include PCBs in 

the device layout [31], [33]  use them only for the wire bonding connections. Thus, the 

actual sensor chip (usually on a SiO2/Si substrate) is hosted by the PCB and the latter is 

merely a structural component of the device (Figure 4.5). This practice adds to the interface 

complexity which is a factor for error generation during the manufacturing, compromising 

the device performance.  

Table 4.1: BioFETs based on graphene related materials for DNA 

detection. 

Channel material Linker molecules Limit of 
Detection 

Microfluidic 
integration 

Reference 

Graphene on  
SiO2/Si 

(mechanical 
exfoliation) 

- 10 nM - [5] 

Graphene on 
PDMS (CVD) 

- 0.01 nM -  [26] 

Graphene on  
SiO2/Si (CVD) 

- 1 pM - [27] 

Graphene on PCB 
(Dropcasted) 

- 1 nM - [34] 

Graphene Oxide 
on pentacene 

(Inkjet printing) 
- 0.1 pmoles/μL PDMS [35] 

Graphene on  
SiO2/Si (CVD) 

PBASE 1 fM - [36] 

Graphene on  
SiO2/Si (CVD) 

PASE 10 fM - [37] 

Graphene on 
glass (CVD) 

PBASE 50 nM - [38] 

RGO 
(Dropcasted) 

PASE 100 fM - [30] 

Graphene on  
SiO2/Si (CVD) 

BSA + 
streptavidin 

100 fM PDMS [31] 

Graphene on  
SiO2/Si (CVD) 

PBASE 10 pM PMMA [39] 

Graphene on  
SiO2/Si (CVD) 

PBSE 25 aM - [12] 

Graphene PBASE 100 fM PMMA [40] 
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directly grown on 
sapphire (CVD) 

 

 

Figure 4.5: (a) Cross-sectional diagram (not to scale) of the integration of microfluidic 

structures with small silicon chips, including one inter-digitated electrode chip for 

conductivity and one ion selective field effect transistor for pH. Photolithographically 

patterned openings in the thin encapsulating polymer layer expose the sensitive areas of the 

silicon chip to the fluid. The silicon sensor is wire-bonded to the PCB pads. (b) The assembled 

prototype with PDMS microfluidic channel full of red ink solution. Detail of the channel over 

the chips before injecting ink in the channel (after Burdallo [33]). 

 

4.2 Inkjet printing and bioelectronics 
 

Printing text and graphics on paper or fabric has vastly affected mankind and 

evolved science and culture improving the quality of life during the past centuries. Recently, 

printing has been considered as a deposition method for functional materials, such as 

conductors, semi-conductors and insulators for device fabrication [41]. The motivation 

behind printable electronics is the decreased manufacturing cost, rapid prototyping, 
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versatility regarding substrates (bendable, stretchable, low heat tolerance) and suitability for 

manufacturing of large area electronics. A significant advantage of printable electronics is 

that their fabrication does not depend on clean-room facilities, decreasing the overall cost 

substantially. Moreover, this technology could possibly offer a solution to the microfluidic 

integration problem by printing both the electronics and the microfluidics, as done for a 

recently reported sensor [42]. Two major classes can be determined regarding printing 

technologies. The first class includes the techniques that require the use of masks or 

lithographic processes (e.g. screen printing and printed circuit board processes) while the 

second takes into account totally maskless techniques, like inkjet printing. 

Inkjet printing is a direct, non-impact, drop-on-demand method (does not require 

any mask). A computer controls an inkjet printer to deposit accurately (typically a resolution 

of 20-25 μm can be achieved) small volume (pL) of a functional material to shape a 

predetermined design at a specific area on the substrate. Contrary to screen printing which 

produces waste material and is suitable for thick film depositions therefore, compromising 

the material flexibility, inkjet printing is faster and more efficient. The major drawback of 

inkjet printing is the ink cost and the need for careful ink synthesis when a new application 

has to be tested for the first time. Recently, a variety of functional materials has been 

studied for inkjet printing, such as silver, gold, CNTs, graphene related materials, conductive 

polymers and metal oxides [41]. Usually, nanoparticles are dispersed in aqueous or organic 

based solvent dispersions along with surfactants and polymers for stabilization and tuning of 

specific features. The ink’s characteristics are not only critical for the quality of the end-

product but they can heavily affect the print-head’s health and operation due to possible 

frequent clogging. Thus, the evaporation rate of the solvent is an important parameter that 

has to be taken into consideration: a rapid evaporation rate is welcomed for a uniform 

printed surface with minimal agglomeration of nanoparticles but not so rapid that it is 

evaporated even before the deposition, resulting in nozzle clogging. Ink viscosity, surface 

tension and resistance to oxidation after the deposition are some other important 

parameters. Good adhesion to the surface, restricted coffee-ring effect and precision on the 

drop-positioning are the major quality factors [43]. High surface tension results in reduced 

wettability on the substrate which in return compromises the reproducibility of the printings 

and impedes repeated printings on the same spot. Surfactants are added to reduce the 

surface tension. Usually, a minimum surface tension of 20 mNm−1 is suitable for optimum 

deposition and wetting of the nozzles [41]. Viscosity of the ink is mostly important for the 

smooth ink delivery from the cartridge to the nozzle-head. This should be in the range of 1 

cP to 50 cP for inkjet printers. Ethylene glycol is typically used to adjust the viscosity. 

Regarding the selection of the printing equipment, material inkjet printers like the Fujifilm 

Dimatix series, are expensive however they are suitable for complex layouts due to their 

precision over repeated printing cycles. Generally, professional piezoelectric printers are 

preferred over thermal due to easier compatibility with a wider range of inks and solvents 

[44].  

After the deposition, curing of the material follows. This is usually thermal sintering 

at around 200 0C for metals [45]. Sintering is the process that removes (or at least detaches) 

the solvent and the other substances and frees the particles to form connections and thus 

electronic paths. The thermal sintering temperature is always below the melting point of the 
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material in order to avoid any phase changes to liquid and only limit to surface changes 

(Figure 4.6). Depending on the heating method, the duration is typically in the tens of 

minutes [41]. Apart from the thermal sintering, chemical, flash, microwave and laser 

sintering are alternative methods.  Regarding chemical sintering, various chemicals have 

been reported as the applied method depends on the ink composition. Printing of NaCl 

solution on top of the printed pattern and exposure at hydrochloric acid vapour has been 

reported for silver nanoparticles sintering [41]. Grouchko et al. [41] reported the inclusion of 

the sintering agent into the ink composition where the sintering was initiated just after the 

printing and during drying. More specifically, the increased chloride ions concentration on 

the printed material destabilised the polyacrylic acid that played the stabilizer role with the 

nanoparticles. It has to be stated that the chemical sintering is more complex method than 

the thermal sintering as more than one chemical treatment with different reactants may be 

required to detach the stabilizers. On top of that, an additional heating step at low-

temperature (95 oC) may be necessary after the chemical treatment, as reported by Zapka et 

al. [46]. The authors did not provide any sintering mechanism to explain why a combination 

of chemical and thermal sintering produced improved conductivity values of their printed 

silver ink. It could be speculated that the low-temperature treatment aided the removal of 

the stabilizing ink polymers following their incomplete detachment from the silver 

nanoparticles by the chemical agent (NaCl). This could suggest that a low-temperature 

treatment after the chemical one could be worthy of investigation in every future work as 

improved conductivity may be obtained compared to solely implementing a chemical 

treatment. Moreover, Wakuda et al. [47] reported that immersion in hot (60 οC) methanol 

yields improved inkjet-printed Ag conductivity than room-temperature methanol; a further 

evidence that temperature assisted chemical treatment could be more efficient that only 

chemical treatment. Nevertheless, chemical sintering may be necessary for substances that 

cannot be broken down solely by thermal energy or for substrates that exhibit low thermal 

tolerance. 

 

Figure 4.6: Thermal sintering process for Ag nanoparticle ink [45]. 

 

Until now, inkjet printing has been used in the fabrication of OLEDs for prototype 

applications [48]. JOLED, Panasonic and Screen Finetech have announced that they are ready 

to manufacture and sell inkjet fabrication equipment to OLED TVs manufacturers [48]Σφάλμα! 

Δεν ζχει οριστεί σελιδοδείκτης.. Moreover, Taiwan-based AU Optronics have decided to install an inkjet 

printing production line for OLEDs monitors, especially for automotive applications, hoping 

to shrink their production cost [49]. It is even more remarkable as an existing traditional (by 

means of evaporation) OLED line will be shut off to be suitably converted in order to 

accommodate the inkjet equipment. 
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Inkjet-printing is gaining remarkable popularity in research and is implemented in 

the fabrication of chemical sensor and biosensors. Inkjet-printing of silver is quite a standard 

method nowadays. As an example, inkjet-printing of commercial silver ink has been 

demonstrated for the fabrication of acetone and toluene gas sensors [50]. The homemade 

inkjet printing setup was used and produced lines of 100-200 μm width while the minimum 

gap between them was about 100 μm, on alumina substrates. The resistivity after thermal 

sintering at 150 oC for 1 h was speculated to be in the order of 10-7 Ωm (i.e. 10 times higher 

than the bulk silver). According to them, higher sintering temperature did not improved 

considerably the conductivity. Su et al. [51] demonstrated a wholly inkjet printed 

microfluidic LoC device. The silver electrodes, printed by a Dimatix DMP-2831 inkjet-printer 

on PET, exhibited very low sheet resistance (0.01 Ohm/square) and required thermal 

sintering at 120 oC for 1 h.  

Inkjet-printing of 2-D materials was reported for the first time in 2012 for FET 

fabrication [52], [53]. Epson Stylus 1500 was used and 30 KΩ/square sheet resistance was 

reported for graphene. Many advances in the formulation of 2-D inks were done since then. 

Figure 4.7 compares the throughput and resolution of inkjet printed 2-D materials to other 

print technologies; inkjet-printing exhibits the highest resolution. Table 4.2 summarizes 

literature regarding biosensing applications related to graphene and graphene oxide inkjet 

printing. It can be seen that it is a fresh direction in this field, relatively unexplored. It would 

be a valid claim to propose that more research about inkjet-printed graphene biosensors will 

be published in the near future as the market size of graphene inks and coatings is greater 

than other graphene applications (Figure 4.8). It is worthy to note that inkjet-printed 

graphene is less conductive than transferred graphene but it may be more suitable for 

sensing applications since multiple printing cycles create a multidimensional, imperfect film 

of controlled thickness that can support a greater quantity of functionalizing agents.   
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Figure 4.7: Throughput and resolution for printed 2-D materials by various print technologies 

(after Hu [52])Σφάλμα! Δεν ζχει οριστεί σελιδοδείκτης.. 

 

Table 4.2: Graphene inkjet-printed biosensors.  

Device (inkjet 
ink) 

Target 
Biomolecules 

Limit of 
Detection 

Substrate Printer Reference 

BioFET, 
(graphene) 

Foodborne 
pathogen, 
Norovirus 

0.1 µg/ml 
flexible 
Kapton 

Fujifilm 
Dimatix 

DMP-2831 
[25] 

Fluorescence 
sensor, 

(graphene 
oxide (GO)-

NHBu) 

Biothiols-IgG -DNA 
20 pM-0.1 
pm -10 pM 

Microporous 
membranes 

Commercial [54] 

BioFET, 
(functionalized 

GO) 

Artificial DNA-
circulating tumor 

cells (SkBr3) 

0.1 
pmoles/µL- 

100 
EA/µL 

Glass - [35] 

Amperometric 
sensor 

(graphene) 

Phosphonate 
organophosphates 

3 nM PET - [55] 

 

 

Figure 4.8: Market size of graphene inks, paints and coating compared to other graphene 

applications (after Hu [52]). 

 

Taking everything into account, inkjet-printing has recently evolved into a favourable 

deposition method boosted by developments in monitoring and simulations of ink rheology 

and surface tension applied for tiny time periods (μs) [52]. This fulfilled successful match of 

the ink properties to the specifications of the printhead rendering feasible the printing of a 

wide range of novel materials. Inkjet-printing seems to have all those characteristics to 

qualify as the ideal deposition method for functional materials regarding LoC applications. 
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Even the low resolution in comparison to photolithography is not a crucial disadvantage 

since such high density electronics integration is not needed for biosensing applications. 

Along with its compatibility with the PCB industry (inkjet-printers are already used for the 

silkscreen layer), it could aid towards economic and scalable manufacturing.  

The next chapter describes the procedures and methods used in this project to 

implement the previously explored research topics (i.e. BioFETs, inkjet-printing, novel 

materials) into the Lab-on-PCB concept.  
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Chapter 5: Development of experimental setup and 

experimental procedures 
 

5.1 Outline of the thesis study routes 
 

This chapter describes the procedures and methods used in this project to 

implement the previously explored research topics (i.e. BioFETs, inkjet-printing, novel 

materials) into the Lab-on-PCB concept. The major steps in which this project was studied 

are summarised in Figure 5.1 and will be presented in detail in this chapter.  

In short, there are three key aspects of this project. Firstly, the CAD design of the 

PCB devices to be manufactured with commercially available PCB technologies. Secondly, 

the exploration of the inkjet-printing and drop-casting deposition methods for functional 

materials. In this step, CAD designs were also used with a commercial, large format inkjet-

printer to produce the required prints. Thirdly, the electrical and biosensing evaluation of 

the manufactured devices.   

 

Figure 5.1: Outline of the routes taken for the inkjet-printed, lab-on-PCB, field-effect BioFET 

study. 
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5.2 Inkjet-printing 

 
Inkjet-printing was explored as the deposition method for the fabrication of BioFET 

diagnostic devices. This includes the metallic contacts/tracks and the active, transducing 

material that forms the device channel. The printer setup/layout will be presented below 

along with the printing procedures in detail. Moreover, the specifications of the various ink 

solutions used in this thesis will be listed. Finally, the PCB pre- and post-printing treatment 

and the measurement setup for open circuit potentiometry (OCP) for the evaluation of 

inkjet-printed, pseudo-reference electrodes on PCB are detailed. 

 

5.2.1 Printer setup 

 

CircaPrint 6080 inkjet-printer (supplied by Viking Test Ltd, UK) was used (Figure 5.2 

(a)). It is a commercial, large format, low cost digital inkjet-printer suitable for industrial 

applications, a popular choice for printing the silkscreen layers by the PCBs manufacturers. 

The low purchase cost compared to specialized material printers (e.g. the Fujifilm’s Dimatix 

series printers) and the proven performance in PCB factories were appealing characteristics 

for the selection of this printer as these qualities are well aligned with the aims of this 

project. The printing processes were carried out in a standard laboratory environment under 

ambient conditions without temperature or humidity control. This was favoured to 

investigate the viability of mass production following the standard industrial practice.  

The print head was a piezoelectric Epson DX5. Compatibility with both aqueous 

based and solvent based inks was feasible by using the appropriate printhead version. The 

printhead includes 8 lines x 180 nozzles firing at 8 kHz with a resolution of 1440 dpi x 1440 

dpi while the minimum droplet volume is 1.5 pL. Maximum size of the print-area is 600 mm 

x 800 mm on a substrate of thickness up to 20 mm. A series of 8 ink tubing channels are 

connected to corresponding cartridges offering the ability to print multiple functional 

materials step by step or mixing different inks to print a weighted combination of them. The 

printing parameters controlled by the printer include the droplet size, the resolution and the 

uni- or bi-directional printing. After a brief evaluation of these parameters, the optimum 

parameters were selected: small droplet size, 1440 dpi and uni-directional printing. It was 

found that the small droplet size resulted in more accurate printings and economical ink 

usage, the maximum 1440 dpi was automatically selected by the printer as this was the 

native resolution of all the image files used while the uni-directional printing proved to be 

slower than the bi-directional although the latter required bi-directional calibration prior to 

any printing ultimately rendering it inconvenient for the small area but multiple print cycles 

job required for this project.   

The printer was equipped with vacuum-table, ultraviolet (UV)-lamp and a CCD 

camera. The vacuum-table is essential to stabilize light substrates during printing such as 

paper, flexible foils or small PCBs. The UV-lamp was not used for this project as this is a 

drying method applicable to glossy paper substrates with specific colour inks. The CCD 
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camera is an essential component for multiple operations that are presented below. A 

transferable hot plate was also installed on the print table for elevated temperature 

printings to extend the printing options. Figure 5.2 (b) summarizes all the previously 

mentioned printer components with a block-diagram.  

The printer was controlled by a PC via CircaPrint GUI and CircaPrint IGI software 

packages (Figure 5.3). The first was the main control software in which the printing 

parameters were set and an image file suitable for printing was imported. This was used to 

initialize the machine, calibrate it and confirm the correct operation by printing a test image 

file. Figure 5.4 (a) shows an example of calibration where a laser beam is used to calibrate 

the distance of the printhead from the flatbed. The Gerber data preparation to be printed 

was executed through the IGI software. The Gerber format is an open ASCII vector format 

for PCB designs [1]. It is the de facto standard used by PCB industry software to describe the 

PCB images: e.g. copper layers, solder mask, legend, drill data. The Gerber files are 

generated by PCB CAD design software, such as Altium Designer®.  

As it can be seen in Figure 5.4 (b), the user can print the pattern on a specific 

position on the substrate with precision, through live camera feed. Moreover, fiducial marks 

can be incorporated in the design file in order to take advantage of the alignment feature 

that the printer offers. This proved to be especially useful for printing patterns with precise 

alignment on the PCBs. 
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Figure 5.2: (a) CircaPrint 6080 inkjet-printer: 1) the flatbed, 2) the touch-screen that controls 

the flatbed operation (vertical and horizontal movement), 3) the portable hotplate and 4) the 

lower compartment that houses the control electronics, the vacuum pump and the PC to 

access the printer software. (b) Block-diagram of the printer architecture.  
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Figure 5.3: Circaprint IGI software is used for loading and preparing the Gerber files for 

printing. 
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Figure 5.4: (a) Screenshot of the Circaprint GUI software while calibrating the distance of the 

printhead from the flatbed. (b) Screenshot of the Circaprint IGI software showing the 

alignment mode matching the fiducial marks on the design file to actual marks on the PCB. 

 

The typical start-up procedure of the printer starts by performing a nozzle 

calibration. An ideal nozzle pattern (i.e. healthy nozzles) that is printed is displayed in Figure 

5.5. A non-complete pattern indicates that there is an issue on the respected nozzle(s). 

Therefore, the printed pattern should look as close as possible to Figure 5.5 i.e. the denser 

the lines are, the better the printhead health is. The nozzle patterns are particularly useful 

when testing for the first time an ink and its compatibility with the printer is unknown. It is 

the first point of focus with regards to troubleshooting when printing problems with new 

inks are experienced. 
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Figure 5.5: An ideal nozzle pattern. A nozzle calibration is the first operation performed after 

the printer start-up. 

The procedure that was developed for the initial implementation of a new ink was 

based in the context of minimizing the risk of causing any clogging issues to the printer’s 

tubing system. More specifically and as Figure 5.6 (a) shows, the inks flow is normally feeded 

from the cartridges to the printhead through a series of tubing. However, these tubings 

were bypassed during the initial steps of testing new inks. This was done by injecting directly 

the ink with a syringe in the respective damper that is connected to the desired printing 

channel on the top of the printhead (Figure 5.6 (b)). Another reason for following this 

procedure during testing of new inks was to save ink due to the potential requirement of 

performing several printhead cleaning cycles at this stage. The printhead cleaning cycles are 

automated printer procedures that flush the printhead channels with ink to remove any 

dried ink or unclog them. These cycles increase the ink usage and storing the ink only in the 

damper above the printhead enables easy monitoring of the ink consumption. Aside from 

that, the ink level in the cartridges must be > 80 mL in order to be transferred to the 

printhead. The ink level may easily decrease below this limit as a result of the multiple 

printhead cleaning cycles. As the usual initial ink volume that suppliers sell barely exceeds 80 

mL (enough to investigate the printhead-ink compatibility and not unnecessarily too much in 

case of poor compatibility), the option of storing the ink in the dumpers was preferred over 

using the typical ink path from the cartridges to the printhead.     
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Figure 5.6: Photograph of (a) the ink filters connected on the top of the printhead and (b) an 

unplugged filter containing graphene ink. If the printer’s cartridges were not used, the ink 

could be injected directly in the filter with a syringe. 

 

5.2.2 Inks 

 

A water based silver-nanoparticle ink purchased from Mitsubishi Papers Milled 

Limited (NBSIJ-MU01) was evaluated for the fabrication of inkjet-printed metallic 

contacts/tracks and pseudo-reference electrodes. This ink was selected for the declared 

compatibility with major piezoelectric print heads and for not being developed for any 

specific printer model. The commercial accessibility of this product was of high importance 

for our developed Lab-on-PCB devices as the focus was on the device low-cost and up-

scalability. As a result, the silver ink used for relevant applications should be suitable for use 

with standard printing machines and not state-of-the-art, expensive material printers. 

Viscosity was around 4 cP at 25 oC with a surface tension of 32 mN/m. The nanoparticle 

density was 1.26 g/mL, capable of creating conductive printed patterns of 0.2 Ω/sq, 

according to the manufacturer. This ink was designed for printing on a special paper-based, 

porous substrate supplied by the same manufacturer. This substrate was coated with a resin 

where chemical sintering takes place upon printing to obtain conductivity. The chemical 

sintering on this special substrate is based on the previously described (Chapter 4.2) chloride 

ions reaction with the dispersing agents in the ink in order to release the nanoparticles, fuse 

them together and form a conductive silver film. Since the aim of this project was to 

fabricate devices on PCB substrate, the suggested approach by the manufacturer was not 

followed and the special paper substrates were not purchased. Thermal sintering (at 160 oC 

for 1 h in oven UN30 Memmert, GE) was explored for this ink and the respective results 

along with the procedure that was followed to finalize the parameters of the process will be 

presented in Chapter 6.  

Graphene solutions in water were explored for the BioFET channel creation. 

Graphene ink in water (GDHM) with N = 13 mean number of mono-layers and L = 990 nm ± 

130 nm at 1 g/L concentration was purchased from Advanced Material Development, UK. 

This was the main graphene ink that was used in this project although different graphene 

inks were purchased for comparative measurements and mostly as alternative inks for 

inkjet-printing in case of experiencing issues with the GDHM. These graphene inks are 

presented in Table 5.1. 

Table 5.1: Graphene inks used in this project. *The custom graphene 

ink (Cambridge graphene limited) was specifically requested to be 

manufactured for this project following the conclusions of the work 

with the other inks regarding their compatibility with the 

Circaprint inkjet-printer. 

Ink 
N (mean 

number of 
L (length of 
flake) (nm) 

Concentration 
(g/L) 

Viscosity (cP) 
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layers) 

GDHM 
(Advanced 
Material 

Development) 

13 990 ± 130 1 1 

GDHP 
(Advanced 
Material 

Development) 

7 260 ± 60 1 1 

GDHB 
(Advanced 
Material 

Development) 

3 260 ± 60 0.1 1 

CG ink 1 
(Cambridge 
graphene 
limited) 

10 80-500 0.2-0.5 3-4 

Custom 
graphene ink 
(Cambridge 
graphene 

limited)
*
 

10 80-500 2-3 3-4 

 

Graphene was mostly utilized in drop-casting process rather than inkjet-printing due 

to the simultaneous silver inkjet-printing work. As it is already explained, the inkjet-printing 

of functional materials is a process that may create clogging problems or irreversible 

damage to the printing system. Thus, the inkjet-printing of graphene inks was started after 

the conclusion of the silver ink work and graphene drop-casting was favored over inkjet-

printing.  

A short 4 min sonication was necessary before the graphene drop-casting. The 

graphene inks did not require any post-printing sintering process. A short drying at 80 oC 

until the solution drying (~ 3 min) was performed for the drop-casted graphene inks.  

Even though consecutive inkjet-printing of different inks such as silver and graphene 

was not performed during this project, it is worth to mention that the selection of water 

based silver-nanoparticle ink was done to match the water-based graphene inks (given that 

the vast majority of graphene inks are water-based[2]). This characteristic enables the 

construction of semiconductor devices without changing to a solvent-based printhead to 

merely print a different part of the device with a solvent-based ink. 

Aside from graphene, solutions of MoS2, poly(3,4-ethylenedioxythiophene)-

poly(styrenesulfonate) (PEDOT:PSS) and  copper oxide (CuO) nanoparticles were explored as 

channel materials for electrolyte gated FETs (EGFETs). Drop-casting was solely applied for 

these solutions.  

MoS2 in H2O solution was purchased from Advanced Material Development with N = 

7 mean number of mono-layers and L = 280 nm at 1 g/L concentration. A laser cutter 
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machine (Epilog Legend EXT, 60 W, CO2 laser at 10.6 μm) from the Department of 

Mechanical Engineering, University of Bath was used to sinter the drop-casted MoS2 at 3 W 

beam power and 5 % beam scan speed. PEDOT:PSS 1.3 wt % dispersion in H2O was 

purchased from Sigma-Aldrich. Prior to the PEDOT:PSS deposition, the PCB substrates were 

cleaned in a low-pressure plasma system (Diener electronic Model 2) at 100 W, 40 kHz for 10 

min. CuO nanoparticles were supplied by Dr. Anna Regoutz, Imperial College London, UK in 

dried powder form. Solution of 2 mg/ml in ethanol was prepared and was drop-casted to 

form the transistor channel.  

 

5.2.3 Inkjet-printed, pseudo-reference electrodes on PCB 

 

The theoretical operation of the reference and pseudo-reference electrodes (PREs) 

was presented in Chapter 2. Stable reference electrodes are essential to biosensors for 

reliable measurements. They are also a critical component of the EGFET as repeatable 

transfer curves extracted by sweeping the voltage bias on the reference electrode and 

recording the channel current is usually the method for the analyte detection. Thereby, the 

stability of the reference electrode inside the electrolyte solution has to be high enough to 

minimise any interference on the threshold voltage (Vth), or Dirac point (VDirac) for the 

graphene EGFETs (EGGFETs). Shifts on the Vth should strictly indicate changes in the analyte 

concentration. Here, silver-nanoparticle ink was inkjet-printed on PCB to fabricate pseudo-

reference electrodes. The prototype PCB platform was manufactured with commercially 

available PCB technologies by Lyncolec Ltd, UK. Minimum four electrodes of various printing 

and material treatment parameters were studied and evaluated for the ultimate target of 

creating stable material in various pH buffer conditions. The board dimensions were 3.5 cm x 

4.2 cm with four columns of gold electrodes of various geometrical shapes (Figure 5.7 (a)). A 

pair of inlet/outlet vias was drilled on each column to facilitate subsequent microfluidic 

channel integration.  

The reference electrode fabrication process is summarized in a schematic depicted 

in Figure 5.7 (b). Silver-nanoparticle ink was deposited on gold electrodes on the 

aforementioned PCBs. Printing on the actual conductive tracks of the PCB offers the 

advantage of rapid evaluation and testing as readings are taken via a standard Peripheral 

Component Interconnect (PCI) connector. Figure 5.7 (a) shows silver-nanoparticle ink 

printed on the gold electrodes taking advantage of the alignment feature that the CircaPrint 

printer offers. For this reason, the patterns to be printed were designed in Altium Designer®, 

exported in Gerber format and imported for alignment using the fiducial points. PCBs were 

cleaned prior to the printing in sonication bath for 15 min in acetone, 15 min in ethanol and 

30 min in a mixture of 1 (NH4OH):1 (H2O2):5 (H2O). Immediately prior to the printing, PCBs 

were cleaned with the UV/Ozone ProCleanerTM (BioForce Nanosciences) for 40 min (20 min 

UV exposure and 20 min in the ozone). Two sintering procedures were followed and 

compared regarding their PRE stability: thermal sintering at 160 oC in furnace for 1 h and 

chemical sintering (Figure 5.7 (c)) by placing the electrode on a hot plate at 70 oC and drop-

casting 10 μL of 0.5 % (v/v) HCl in H2O. After the ink sintering, silver chlorination was 
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achieved by drop-casting 10 μL of sodium hypochlorite solution (6-14 % active chlorine) to 

produce the AgCl layer, necessary to fabricate Ag/AgCl PRE. The deposition lasted for 1 min 

and then the electrode was washed with de-ionised water. A change in colour was observed 

after this stage from silver to dark grey, visually indicating surface chlorination[3].  

The stability of the PRE was assessed with Open Circuit-Potential (OCP) 

measurements versus commercial Ag/AgCl (KCl) reference electrode (BASi) in buffer 

solutions, AVS Titrinorm (pH 4, pH 7, pH 10, VWR Chemicals). Initially, non-flow 

measurements were performed to optimize the printing parameters, followed by 

measurements under flow for 24 h. A microfluidic delivery network was laser 

micromachined and attached on the PCB via pressure-sensitive adhesive tape[4]. More 

specifically, the main fluidic layer comprises a thin FR4 layer (to allow for the fluidic optical 

inspection), manufactured by Lyncolec. The second fluidic layer was custom-made as 

follows: a 50 μm PMMA flexible film was enclosed between two 3M 468MP adhesive tape 

films. The laser micromachining created the microfluidic channel following the fluidic layer 

pattern. Then, the PMMA film was placed on the FR4 fluidic layer after peeling off one of the 

3M tapes. At this step, the second 3M tape was removed exposing the other side of the 

PPMA and the PMMA/FR4 layer was placed on the PCB. Finally, the fresh PCB/PMMA/FR4 

setup was pressed with a vice at room temperature to achieve leak-tight sample flow.  

The electrical measurement setup is depicted in Figure 5.7 (d). A data logger 

(DrDAQ, Pico Technology) was used to measure the potential difference (VPCB – Vcommercial). A 

PCI board connector was used to electrically connect the PRE with the data logger. The pH 

buffer was flowed through the channel by a syringe pump (Cole-Parmer, USA) at a constant 

flow rate (7 μL/min). A custom-made PMMA chip holder housed commercially available 

fluidic ports and ferrules (Figure 5.8) to deliver the buffer from the syringe into the 

microfluidic inlet and collect the waste from the outlet. Finally, the DC voltage bias stress 

influence on the PRE stability was assessed. This was experimentally investigated by 

measuring the OCP under flow for 20 min before and after 1 min of continuous voltage bias. 

Three consecutive biases of 0.3 V were applied, with the same procedure followed for 0.6 V 

and 0.9 V biases. These voltage levels are within the range of common gate electrode biases 

for EGFETs [5], [6], [7], [8], [9]. A high input impedance operational amplifier was operated 

at unity mode and was connected between the voltage source unit and the PRE to inhibit 

any current flow to the latter. Thus, the operation of a gate reference electrode of an EGFET 

was efficiently simulated and evaluated. 
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Figure 5.7: (a) Photograph of the PCB with four thermally-sintered Ag electrodes, inkjet-

printed on gold, (b) generic schematic of the reference electrode fabrication process, (c) 

schematic of Ag NP ink chemical sintering, (d) schematic of the measurement setup. 
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Figure 5.8: Setup of continuous buffer flow for the inkjet-printed, pseudo-reference electrode 

stability evaluation with open circuit-potential measurements versus commercial Ag/AgCl 

(KCl) reference electrode. 

 

5.3 Electrolyte-Gated Field-Effect Transistor on PCB 
 

 The prototype PCB platform for the EGFET-assisted biosensing applications is 

presented below along with the DNA detection protocol. 

 

5.3.1 PCB Design 

 

The PCB platform was designed in Altium Designer®. The Gerber files were 

generated and were sent to Newbury Electronics, UK for the boards manufacturing. Figure 

5.9 (a) shows a screen capture of the EGFET board design. Drain, source and reference 

electrodes in Ag-plated electrode format were implemented in the same plane. Each board 

(15.3 cm x 10.7 cm) contained three rows of different channel lengths devices; first from top 

is 0.127 mm (manufacture resolution of Newbury Electronics), middle is 0.2 mm and third is 

0.4 mm, all at 5 mm width to examine the W/L ratio effect on the device behaviour. 

Footprints for through-hole BNC connectors are also visible, offering the option to securely 

fix the gate and source cables while the selection of the device to be tested was done by 

making direct contact between the appropriate drain pad and the measuring needle at a 

probe station. A closer screen capture of the design of the 0.127 mm channel EGFET is 

shown in Figure 5.9 (b) where the three-electrode configuration and channel are 

highlighted.  
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Figure 5.9: (a) Screen capture of the electrolyte-gated transistors board in Altium Designer®. 

(b) Screen capture focusing on the 0.127 mm channel transistor. 

 

The chips were briefly cleaned by simply rinsing them with acetone, isopropanol and 

distilled water. Chlorination of the silver PCB reference electrodes was achieved by drop-

casting 10 μL of sodium hypochlorite solution (6-14 % active chlorine) while the chip was 

heated at 80 oC on a hotplate until the solvent evaporated. After this stage, a change in 

colour was observed from silver to dark grey as Figure 5.10 (a) depicts. Two successive drop-

casts of 5 μL each of the functional ink were applied between the drain and the source 

electrodes to form the transistor channel. In order to get reliable and repeatable electrical 
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measurements of the EGFET devices, self-adhesive Teflon tape was attached around the 

channel to accommodate the electrolyte in a confined space (Figure 5.10 (b)). It is important 

to stress that the reference electrode was electrically insulated from the transistor channel 

in the absence of electrolyte droplet as it was encircled by solder mask. 

 

Figure 5.10: (a) Picture of non-chlorinated (bottom row) and chlorinated (top row) silver 

reference electrodes of the PCB designed in Altium Designer® for evaluation of functional inks 

as channel materials of electrolyte-gated FET. (b) Picture of the whole board; in 

magnification, one of the devices where the drain, source, reference electrodes are visible 

along with the drop-casted graphene channel. Self-adhesive Teflon tape was attached to 

confine the electrolyte droplet. 

 

Electrical measurements were performed inside a Faraday cage in ambient 

environment. The operation of the EGFETs was controlled with a semiconductor device 
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parameter analyser (Keysight B1500A) using a built-in interface. Regarding the extraction of 

the transfer curves and unless otherwise stated, the drain to source voltage (Vds) was fixed 

to 100 mV and the maximum absolute value of the gate to source voltage (Vgs) was kept 

below 1 V to avoid any side-effects from voltage-induced chemical reactions while the Vgs 

scan rate was 50 mV/s. The typical electrolyte used for the EGFET measurements was 

Phosphate Buffered Saline (PBS pH 7.4, Sigma Aldrich) at concentrations ranging from 10X to 

0.1X (1X PBS = 0.01 M phosphate buffer, 0.0027 M potassium chloride and 0.137 M sodium 

chloride). The EGGFET behaviour was investigated in varying electrolyte pH (pH 4.8-7.9) in 

both custom made buffer solutions and real sample. The pH buffers were prepared by 

mixing a solution of 0.1 M KH2PO4 and 0.1 M boric/citric acids with 0.1 M KNO3 in equal 

volumes resulting in pH 2.5. The pH was increased by adding the required volume of 0.1 M 

KOH. With this procedure, the ionic strength did not change considerably remaining at 0.1 M 

approximately, as the pH adjuster (KOH) was already an ingredient of the lowest pH (4.8) 

solution. Synthetic urine samples in the pH 4.8-7.9 range were purchased from 

Nanochemazone, Canada and were used for the real sample measurements. Milli-Q water 

was used for the preparation of the buffers. 

 

5.3.2 Protocol for DNA detection 

 

For the biosensing assessment, the molecule that was selected as target sequence 

was oncogenic mutation of PIK3CA, one of the most commonly mutated oncogenes in 

human cancer. The sequence of the target complementary DNA (Sigma Aldrich) employed 

for hybridization was 5’– TGC ACG TCA TGG TGG CTG –3’ and the non-complementary 

control sequence were 5’– CAT GTA CTG CAA CAA TCA –3’. More information on the PIK3CA 

gene and its importance for ctDNA detection can be found in [10],[11]. The amine-modified 

PNA probe molecules for this target gene were synthesized by Eurogentec, Belgium with the 

sequence: N– TTT CAG CCA CCA TGA CGT GCA –C. The PNA oligomers were diluted to 100 

μM in distilled water and were kept below -18 oC. DNAs were diluted to 10 μM in TE buffer 

(10 mM Tris-HCl, 1 mM disodium EDTA) and were kept at -50 oC.  

The EGGFETs were employed for the DNA detection. The working principle of the 

EGGFET DNA sensor is illustrated in Figure 5.11. In order to immobilize the PNA on the 

graphene, 5 mM of 1-pyrenebutanoic acid succinimidyl ester (PASE) (Sigma Aldrich) in 

dimethylsulfoxide (DMSO-for biological applications, Sigma Aldrich) was drop-casted on the 

channel to act as the linker molecule and was incubated for 1 h followed by being rinsed 

with 0.1X PBS. PASE binds to graphene via non-covalent π-π stacking interactions between 

its pyrene group and the graphene surface [12], [13], [14], [15] . The PASE modified 

graphene was treated with 10 μM PNA in 0.1X PBS for 2 h followed by being rinsed with 0.1X 

PBS to remove any non-immobilized probes. The N-terminus of the PNA is immobilized on 

the amine-reactive succinimide group of the PASE [12], [13], [14], [15]. The neutralization of 

non-specific binding events was achieved by drop-casting 1 mM ethanolamine solution 

(Sigma Aldrich, in 0.1X PBS) for 0.5 h and washed with 0.1X PBS. The complementary PNA-

DNA hybridizations were performed by dropping an appropriate DNA concentration in 0.1X 
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PBS for 0.5 h and the non-hybridized sequences were removed by washing the channel with 

0.1X PBS. The same was repeated for the control sequences. All the incubations were 

performed at room-temperature. 

 

Figure 5.11: Top: Photograph of the printed circuit board (PCB) designed in Altium® for 

evaluation of graphene as the channel material of electrolyte-gated FET. In magnification, 

one of the devices where the drain, source, gate electrodes are visible along with the drop-

casted graphene channel. Self-adhesive Teflon tape was attached to confine the electrolyte 

droplet. Bottom: Schematic of assay steps for PNA-DNA hybridization detection employing an 

electrolyte-gated graphene field-effect transistor. 

 

5.3.3 Microfluidic Integration of Electrolyte-Gated Transistor 

 

The microfluidic integration of the above presented EGFETs was also undertaken. 

Similarly, the design was prepared in Altium Designer® and was manufactured by Newbury 

Electronics, UK. Figure 5.12 shows a screen capture of the microfluidic EGFET board design. 

This design is similar to the non-microfluidic EGFET design. The drain/source/reference 

electrodes are on the same plane and the functional material is deposited between the 
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drain/source electrodes to form the channel. However, here the boards have two layers 

instead of one. The top layer includes both the device and the microfluidic channel (Figure 

5.13 (a)) while the silver pads for the electrical interface with the semiconductor device 

parameter analyser are transferred to the bottom layer by vias, as Figure 5.13 (b) depicts. 

The transfer of the pads to the bottom layer was necessary since the microfluidic operation 

is similar to the previously described PREs. This means that the boards would face down 

during the operation in order to facilitate the microfluidic interface on the other side. 

Moreover, the adaption of a PMMA housing similar to the one used in the PREs microfluidic 

setup was rejected as it would prove excessively large to be accommodated in the probe 

station. For this reason, the commercially available fluidic ports were glued directly on the 

boards.  
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Figure 5.12: Screen capture of the microfluidic integrated, electrolyte-gated transistors board 

in Altium Designer®. The top screen capture shows the top layer of the electronic design. The 

microfluidic channels (middle screen capture) were designed and manufactured separately. 

The bottom screen capture shows the complete design of the board; the microfluidic designs 

are placed on their respective positions on the electronic board design. 
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Figure 5.13: Pictures of the (a) top and (b) bottom sides of the microfluidic EGFET board. One 

of the microfluidic channels is placed on the top left transistor. The top side incorporate the 

electrolyte-gated transistors and the microfluidic channels. The bottom side houses the 

microfluidic and electrical interfaces. 

 

5.4 Design of PCB Device for DNA Amplification 
 

Finally, a microfluidic device for isothermal DNA amplification was designed in 

Altium Designer® (Figure 5.14 (a)). The nucleic acid amplification is a key process in DNA 

detection elevating the assay sensitivity by allowing the detection of a very limited number 

of target molecules[16]. This is especially accurate in the detection of circulating tumor DNA 

where the nucleic acid concentration is extremely low, particularly in early-stage disease 

[17]. The amplification generates a large number of copies of the target sequence [18]. The 

most widely adopted process for DNA amplification is the polymerase chain reaction (PCR) 

amplification method, which requires repeated cycles of three or two temperature-

dependent steps [16]. On the contrary, thermal cycling is not applied in the low temperature 

isothermal amplification methods. As a result, the isothermal amplification devices are 
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simplified, thus are considered as promising candidates for sensitive state-of-the-art LoC 

devices utilizing “amplification to detection”[16].  

The design was sent to Graphic PLC, UK for the fabrication. The key features of this 

device were the board-embedded microfluidic channel and microheater, essentially 

consisting individual PCB layers. The embedded microfluidic channel (FR4 type 106, routed 

to create channel for fluids) is a critical feature for the efficient manufacturing of fluidic PCB 

diagnostic devices as the channel is manufactured as a PCB layer and not separately. This 

practice also reduces the interface complexity which is a factor for error generation during 

the manufacturing, compromising the device performance. In addition, the embedded 

heating layer (copper) offers optimum control of the temperature due to the decreased 

environmental influence and thus improved power efficiency. The winding pattern of the 

channel was selected to maximize the total track length for the isothermal DNA 

amplification while gold plated copper electrodes were exposed to the fluid in the straight 

track of the channel for the DNA detection after the amplification.           

Following the board design and the confirmation of their fluidic capabilities (Figure 

5.14 (b)), electrical measurements were performed in order to assess the device suitability 

for point of care (POC) diagnostic applications aiming for portable operation that can be 

supported by common 9V type, Li-Ion battery.  

 

Figure 5.14: (a) Screen-capture of the Altium Designer® design of a microfluidic device 

integrating embedded micro-heater (green layer) and fluidic channel (purple colour) for 

isothermal DNA amplification. (b) Picture of the manufactured device with soldered wires for 

the power supply to the micro-heater and a microfluidic inlet port glued on the device to 

assess the heating and the fluidic operation. 
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5.5 Miscellaneous Equipment  
 

Scanning Electron Microscopy (SEM) and X-ray Photoelectron Spectroscopy (XPS) 

were used to characterize the surface of the printed materials.  SEM analysis was conducted 

using a JEOL JSM-6480LV Tungsten filament SEM, using a 10 kV accelerating voltage. The 

SEM analysis was performed in the Material and Chemical Characterisation Facility (MC²) of 

the University of Bath. XPS was performed on a Thermo Scientific K-Alpha+ XPS system, 

which uses a monochromated, micro-focused Al Kα X-ray source (hν = 1486.7 eV) and a 1800 

double focusing hemispherical analyser with a 2D detector. The XPS analysis was performed 

by the group of Dr. Regoutz in the Department of Chemistry, UCL, UK. Leica DM500, optical 

microscope was used for the optical evaluation of the inkjet-printed materials. Finally, 

surface profiler (Veeko Dektak) in the David Bullett Nanofabrication Facility was used for the 

thickness determination of the inkjet-printed silver.  

In the next chapter, the findings of the inkjet-printing study on PCBs are presented.  

 

References: 

 
[1] “Gerber Format,” Ucamco. [Online]. Available: https://www.ucamco.com/en/gerber. 

[Accessed: 13-Jan-2021]. 

[2] F. Torrisi et al., “Inkjet-printed graphene electronics,” ACS Nano, vol. 6, no. 4, pp. 
2992–3006, 2012. 

[3] D. Moschou, T. Trantidou, A. Regoutz, D. Carta, H. Morgan, and T. Prodromakis, 
“Surface and electrical characterization of Ag/AgCL pseudo-reference electrodes 
manufactured with commercially available PCB technologies,” Sensors (Switzerland), 
vol. 15, no. 8, pp. 18102–18113, 2015. 

[4] P. Jolly, J. Rainbow, A. Regoutz, P. Estrela, and D. Moschou, “A PNA-based Lab-on-PCB 
diagnostic platform for rapid and high sensitivity DNA quantification,” Biosens. 
Bioelectron., 2018. 

[5] H. J. Jang and W. J. Cho, “Fabrication of high-performance fully depleted silicon-on-
insulator based dual-gate ion-sensitive field-effect transistor beyond the Nernstian 
limit,” Appl. Phys. Lett., vol. 100, no. 7, 2012. 

[6] L. Kergoat, B. Piro, M. Berggren, G. Horowitz, and M. C. Pham, “Advances in organic 
transistor-based biosensors: From organic electrochemical transistors to electrolyte-
gated organic field-effect transistors,” Anal. Bioanal. Chem., vol. 402, no. 5, pp. 1813–
1826, 2012. 

[7] G. Gruner, “Carbon nanotube transistors for biosensing applications,” Anal. Bioanal. 
Chem., vol. 384, no. 2, pp. 322–335, 2006. 

[8] B. M. Dankerl et al., “Graphene Solution-Gated Field-Effect Transistor Array for 
Sensing Applications,” Adv. Funct. Mater., vol. 20, pp. 3117–3124, 2010. 



102 
 

[9] F. Yan, M. Zhang, and J. Li, “Solution-Gated Graphene Transistors for Chemical and 
Biological Sensors,” Adv. Healthc. Mater., vol. 3, no. 3, pp. 313–331, 2013. 

[10] S. D. Keighley, “Label free detection of Nucleic Acids by their intrinsic molecular 
charge.” 

[11] D. Zardavas, W. A. Phillips, and S. Loi, “PIK3CA mutations in breast cancer : 
reconciling findings from preclinical and clinical data,” Breast cancer Res., vol. 16, no. 
201, 2014. 

[12] G. Inzelt, “Pseudo-reference electrodes,” in Handbook of Reference Electrodes, 
Springer, 2013, pp. 331–332. 

[13] B. Cai, S. Wang, L. Huang, Y. Ning, Z. Zhang, and G. Zhang, “Ultrasensitive Label-Free 
Detection of PNA_DNA Hybridization by Reduced Graphene Oxide Field-Effect 
Transistor Biosensor,” ACS Nano, vol. 8, no. 3, pp. 2632–2638, 2014. 

[14] S. Xu et al., “Real-time reliable determination of binding kinetics of DNA hybridization 
using a multi-channel graphene biosensor,” Nat. Commun., vol. 8, pp. 1–10, 2017. 

[15] C. Zheng, L. Huang, H. Zhang, Z. Sun, and Z. Zhang, “Fabrication of Ultrasensitive Field 
Effect Transistor DNA Biosensors by A Directional Transfer Technique Based on CVD-
Grown Graphene,” Appl. Mater. Interfaces, vol. 7, pp. 16953–16959, 2015. 

[16] L. M. Zanoli and G. Spoto, “Isothermal amplification methods for the detection of 
nucleic acids in microfluidic devices,” Biosensors, vol. 3, no. 1, pp. 18–43, 2013. 

[17] C. Fiala, V. Kulasingam, and E. Diamandis, “Circulating Tumor DNA for Early Cancer 
Detection,” J. Appl. Lab. Med., pp. 300–313, 2018. 

[18] P. J. Asiello and A. J. Baeumner, “Miniaturized isothermal nucleic acid amplification, a 
review,” Lab Chip, vol. 11, no. 8, pp. 1420–1430, 2011. 

 

 

 

 

 

 

 

 

 

 

 



103 
 

 

Chapter 6: Inkjet-Printing 
 

In this chapter, the findings of the inkjet-printing on PCB are presented. More 

specifically, the work on silver-nanoparticle ink printing for the creation of metallic 

contacts/tracks and pseudo-reference electrodes is discussed. This led to creation of the 

most stable inkjet-printed, pseudo-reference electrodes in the literature. Secondly, the 

investigation of graphene inkjet-printed on PCB is also presented along with the challenges 

that arose. 

6.1 Silver-Nanoparticle Ink 
 

The water based silver-nanoparticle ink (purchased from Mitsubishi Papers Milled 

Limited, (NBSIJ-MU01)) was evaluated for the fabrication of inkjet-printed metallic 

contacts/tracks and pseudo-reference electrodes. This ink was selected for the declared 

compatibility with major piezoelectric print heads and for not being developed for any 

specific printer model. The commercial accessibility of this product was of high importance 

for our developed Lab-on-PCB devices as the focus was on the device low-cost and up-

scalability. As a result, the silver ink used for relevant applications should be suitable for use 

with standard printing machines and not state-of-the-art, expensive material printers.  

After an initial evaluation of printed patterns of the silver-nanoparticle ink on 

standard and glossy paper, reliable and unhindered printer operation was observed 

indicating compatibility between the ink’s characteristics and the printer’s requirements. 

The silver-nanoparticle ink was conductive on standard paper without any post-treatment 

even though it was rather resistive (several kOhm for 2 mm length x 0.495 mm width 

pattern). However, it required thermal sintering (at 160 oC for 1 h) if printed on a glossy 

surface (e.g. photographic paper) indicating that porous surfaces act in a way that partly 

separates the nanoparticles from the dispersing agents in the ink allowing them to form 

conductive paths. 

Printing of this ink on the PCB solder mask followed since it did not cause any 

printer-head clogging issues. Clogging issues is a major concern in the printed electronics 

field (as previously described in Chapter 5), thus investigation of the printed material 

properties on the desired substrate could now begin. For this reason, silver was printed on 

the “Newbury” boards (presented in Chapter 5, Figure 5.6 (a)) that enabled straight-forward 

resistance readings from the hard-plated gold electrodes. Therefore, the direct contact 

between the multimeter probes and the printed material was avoided to protect the silver 

films by contact induced wear that would possibly render our first, explorative resistance 

measurements inconsistent.  

Figure 6.1 is a photo of silver ink printed on PCBs at three different substrate 

temperatures (room-temperature (RT), 75 oC and 160 oC ) by making use of the transferable 
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hot plate. The electrodes that were used for the resistance measurements are also shown in 

Figure 6.1. Regarding printing at room-temperature, the colour of the printed patterns was 

black immediately after the deposition as it was in liquid form. Drying lasted four minutes at 

room-temperature and the colour changed to silver as the water evaporated (Figure 6.2). 

For the elevated printing temperatures, drying was quicker as expected, and the change of 

colour was faster. No conductivity was observed at RT and 75 oC substrate temperatures. 

However, resistance readings were taken at 160 oC substrate temperature, although they 

were significantly high (several MOhms). This observation showed that temperature 

treatment can assist to retrieve the electronic properties of the printed material and this led 

to the next step: the thermal sintering. 

 

Figure 6.1: Initial methodology for resistance measurements of inkjet-printed silver on PCB. 

Three substrate temperatures were tested and resistance measurements were taken 

between the gold electrodes shown by the black lines. 
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Figure 6.2: Photo of inkjet-printed silver (a) before drying and (b) after drying at room-

temperature. 

 

Consequently, the deposited PCBs were thermally treated at 160 oC in the oven. 

Conductivity was observed after this thermal treatment, indicating successful thermal 

sintering. Figure 6.3 shows the resistance values of the silver printed patterns before and 

after the thermal sintering. Several MOhms of the non-sintered material (although printed 

at 160 oC) were improved to less than 10 Ohms. Interestingly, the thermal sintering duration 

did not lead to any resistance improvement; on the contrary a slight increase in the 

resistance was noted, possibly by excessive oxidation of the material. Lower sintering 

temperatures than 160 oC were also tested but they did not have any effect to the 

resistance. Similarly, shorter than 1h heating duration was not enough to sinter the material. 

 

Figure 6.3: Thermal sintering (at 160 oC) effect on the resistance of inkjet-printed silver ink on 

PCB. 
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After having successfully sintered the inkjet-printed silver, a more in-depth electrical 

characterization was performed. Various widths groups of six samples each were prepared 

in the GIMP image manipulation tool being 2 mm in length and were printed at RT to 

evaluate the width effect on the resistance. From this point, silver was printed on the back 

side of the boards, directly and only on the solder mask (not covering any gold electrodes). 

This was followed in order to control more accurately and efficiently the dimensions of the 

printed patterns without being hindered by the presence of the gold electrodes. In addition, 

this approach provided more realistic resistance measurements as the multimeter probes 

were directly placed on the printed silver material rather than the hard-plated PCB gold 

electrodes. Similar configuration would have been followed if these silver patterns intended 

to be silver pads of an electronic device (e.g. electrolyte-gated FET). Figure 6.4 shows the 

resistance dependence on the width of the printed silver-nanoparticle lines after the 

thermal sintering. The mean resistances decrease with the width increase as expected, 

confirming reliable deposition process. Furthermore, the repeatability of the process, 

expressed by the standard deviations of the patterns resistances, was superior for the larger 

widths. This is expected as it is more challenging for the machine to print narrow lines. 

 

Figure 6.4: Six samples mean resistance dependence on the width of inkjet-printed silver lines 

(2 mm length) after thermal sintering (@160 oC for 1 h) on PCB solder mask. Printing 

temperature is room-temperature except for the smallest width print which required 60 oC 

printing temperature. Sample-to-sample standard deviation is represented by error bars. 

 

Here, it is important to state that the thinnest line that could be printed (2 mm in 

length) and remained conductive was found to be ~0.05 mm (50 μm), shown in Figure 6.5. 

However, this was made possible only at 60 oC substrate temperature. This was because the 

printing precision was improved at elevated printing temperature as the degree of the ink 

scattering on the substrate was reduced, probably due to the enhanced evaporation rate. In 

addition, this was the printing resolution, i.e. the thinnest line that the printer could deposit 
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which is an excellent value as the reported resolution of inkjet-printing is ∼50–80 µm[1]. 

Satellite drops (as they are called at inkjet-printing) are evident in Figure 6.5. According to 

Torrisi et al.[2], the suitable dimensionless Figure of Merit (FOM) to characterise the droplet 

formation is the Z = 1/Oh, where Oh = (We)1/2/Re and Re = υρa/η; We = υ2ρa/γ where η is 

ink viscosity [mPa s], γ is surface tension [mJm-2], ρ is density [gcm-3], and a is nozzle 

diameter [μm]. According to studies cited by Torrisi et al.[2], Z has to be 1 < Z < 14 in order 

to have prints with no satellite drops. Calculating Z for our case and speculating about the 

nozzle diameter being between 20 μm and 40 μm as no relevant information is given by the 

manufacturer, Z is between 0.09 and 0.14. Therefore, the observation of satellite drops is 

expected for this case.  

 

Figure 6.5: Optical microscope photo depicting the thinnest conductive line of 50 μm width. 

 

Regarding the absolute minimum non-conductive gap between two conductive 

square pads (2 mm x 2 mm), it was found to be 0.5 ± 0.05 mm at 50-60 οC printing 

temperature. Smaller gaps were also achievable (around 0.3 mm) but with no consistency. 

Additionally, it was found that lines printed parallel to the printhead’s movement were 

deposited with better consistency and quality compared to lines perpendicular to the 

direction of travel. This is because the latter are formed in multiple steps. Knowing of the 

absolute minimum non-conductive gap between two printed patterns is of outmost 

importance as it determines the channel length of a transistor and is an indicator of the 

electronics density that can be accomplished on a board.   

Mean resistances of printed lines (2 mm length x 0.495 mm width) with respect to 

substrate temperatures are presented in Figure 6.6. Five lines for each of the six different 

substrate temperatures were printed and the mean resistances were calculated after the 

thermal sintering. Increasing the printing temperature up to 70 oC did not affect 

considerably the resistance as it stayed close to 30-50 Ohm with the exception of 40 οC 
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which reached 85 Ohm. However, printing at 100 οC resulted to severely increased 

resistance (245 Ohm) and highly unreliable deposition as the error bar shows. It is worth 

stating here that further work could be done to find more accurately the threshold point 

above 70 oC substrate temperature, at which the resistance increases. Experimental 

difficulties in the temperature control of the hotplate did not allow safe conclusions 

regarding resistance values for the 70 oC – 100 oC range and this is the reason of the gap 

between 70 oC and 100 oC in Figure 6.6. Although, it is not expected that the material 

resistance would be improved (decreased) in the 70 oC – 100 oC range compared to the 20 oC 

– 70 oC, the interest here is about the information retrieved regarding the exact temperature 

which triggers the resistance increase, thus possibly revealing the working mechanism 

behind this thermal response. 

Taking into consideration the above results, it seems that the optimum printing 

temperature is 50-70 οC as the dimensional accuracy of the ink deposition was also observed 

to be slightly improved compared to the RT printing, especially if there is need to print 

narrow patterns of < 0.18 mm width (as Figure 6.4 depicts), while resistance is retained low. 

 

Figure 6.6: Six samples (inkjet-printed lines of 2 mm length and 0.495 mm width) mean 

resistance dependence on the substrate temperature (PCB solder mask). Sample-to-sample 

standard deviation is represented by error bars. All samples were thermally sintered at 160 
oC for 1 h. 

 

The ubiquitous coffee-ring effect was observed in the silver-nanoparticle ink 

depositions (Figure 6.7 (a)): ring-like structures at the periphery of the deposited pattern. 

The coffee-ring effect is the mechanism behind the pattern formation that is left on the 

substrate after a liquid that contains suspended particles evaporates. This is an unwelcome 

feature and well-known defect of inkjet-printing that potentially reduces the electrical 

performance of the printed material as uneven surface is created by the increased 
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evaporation volume at the edges in comparison to the central areas of the droplet. As the 

liquid evaporates at the edges of the droplet, it is replenished by volume travelling from the 

centre, thus the uniformity of the end-product is compromised. Essentially, this is a 

Marangoni flow; if the flow is strong enough, it can redistribute the material back to the 

centre, so the coffee-ring effect is pronounced for liquids with weak Marangoni flow [3]. 

Methods to suppress this phenomenon include change in the ink synthesis (adjusting the 

surface tension with polymers), adding elongated particles and control of the substrate 

temperature [4],[5]. In our case, coffee-ring effect seemed to be reduced by the elevated 

substrate temperature due to the faster evaporation rate that does not allow particles to 

reach the edges, as it was also found by Li et al.[6]. However, a compromise has to be 

accepted between the coffee-ring effect reduction and the poor ink adhesion on the 

substrate as non-uniform patterns were observed at elevated substrate temperatures 

(Figure 6.7 (b-d)) and this could explain the significantly increased resistance at 100 oC 

printing temperature.   

 

Figure 6.7: Optical microscope photos taken after the thermal sintering of the inkjet-printed 

ink on PCB solder mask at different substrate temperatures: (a) room-temperature, (b) 50 oC, 

(c) 70 oC, (d) 100 oC. 

 

Printing multiple layers was also examined for further improving the conductivity of 

the printed patterns. However, it was found that a single printing cycle was the best option 

because multiple prints resulted in deposition of more quantity of the ink surfactants and 

polymers that have to be evaporated or at least separated from the metallic nanoparticles to 

form the conductive layer. Thus, significantly longer thermal sintering duration (3 h duration 

for two printing cycles) was required for multiple printing cycles to approach the resistances 

obtained by only a single print. Thermal sintering at the 160 oC – 200 oC  range did not prove 

to further decrease the resistance while higher temperature than 200 oC was not preferred 

to avoid any possible compromise of the solder mask properties due to the prolonged 

exposure at high thermal stress. Besides, printing more than one cycle is not desirable 

because the deposition of overlapped surfaces compromises the dimensional accuracy due 

to printing tolerances and different ink adhesion characteristics onto the previous printed 

layers compared to the actual substrate. 
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The thickness of the inkjet-printed, silver-nanoparticle ink was measured by the 

surface profiler. RT print (mean values of 3 measurements) was found to be 2 ± 0.05 μm 

thick while the 100 οC print was thinner, at 1.8 ± 0.04 μm as Figure 6.8 shows. 

 

Figure 6.8: Surface profiler measurement on inkjet-printed silver-nanoparticle ink on 100 oC 

heated PCB solder mask (Veeko Dektak was used, see Chapter 5.5). 

 

All in all, inkjet-printing of silver-nanoparticles on PCB substrate was found to be 

successful as conductive patterns were obtained by employing non-invasive, low-

temperature thermal sintering on single-cycle prints with reliable operation of the printer 

due to the fine compatibility between the ink and the printhead. The silver resistivity for t = 

2 μm was calculated to be three orders of magnitude higher of the bulk silver value (1.6 * 10-

5 Ωm and 1.6 * 10-8 Ωm respectively), a number that is among the ones found in the 

literature[7],[8] for similar thermal sintering temperatures (although no PCB substrate has 

been reported and no one has used this ink) but is considered adequate for our application 

(fabrication of conductive pads for a 3-point device) since it is expected to be considerably 

lower than the respective value of the channel material. Certainly, the actual pad or track 

that would be printed and incorporated in a device could be designed with favourable 

dimensions (increased width and decreased length) for low resistance. 
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6.2 Inkjet-Printed, Pseudo-Reference Electrodes on PCB 
 

6.2.1 Non-Flow OCP Characterization 

 

Non-flow characterization of the PRE was initially performed in order to define the 

optimal fabrication parameters. The stability of the thermally sintered silver PRE was 

assessed by immersion in a pH 7 buffer solution in static conditions for 15 min.  

After the initial evaluation of the effect that the electrode geometry (Figures 6.9), 

the number of printing cycles and the printing temperature have on the material’s OCP 

stability, 3x printing cycles and RT printing were selected as exhibited the best behaviour 

among 2x, 4x, 5x printing cycles and 40 oC, 50 oC, 60 oC printing temperatures. Crescent and 

circular electrode geometries demonstrated the same behaviour and were considerably 

more stable compared to the via geometry, as Figure 6.10 shows. Indicative comparisons for 

different printing cycles and different printing temperatures are demonstrated in Figure 

6.11. A pronounced drift is observed for 5 printing cycles whereas 2, 3 and 4 cycles exhibit 

more stable performance (Figure 6.11 (a)). Figure 6.11 (b) shows that elevated printing 

temperatures lead to unstable behaviour with potential fluctuations that are characterized 

by an intensified drift for the higher tested printing temperature (60 °C).  

 

Figure 6.9: Thermally sintered, inkjet-printed silver-nanoparticle ink (3x print cycles at RT) on 

gold circular and crescent electrodes for pseudo-reference electrode material evaluation. 
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Figure 6.10: The potential difference between the commercial Ag/AgCl (KCl) reference 

electrode and inkjet-printed, thermally sintered electrodes in pH 7 buffer for the three 

electrode geometries: circular, crescent and via. 
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Figure 6.11: The potential difference between the commercial Ag/AgCl (KCl) reference 

electrode and inkjet-printed, thermally sintered electrodes in pH 7 buffer for (a) different 

printing cycles and (b) different printing temperatures. 

 

The drift values for every sample are summarized in Table 6.1. The inferior 

behaviour of samples after 2 printing cycles and the elevated temperature prints is 

attributed to partial surface coverage, which leaves the underlying gold exposed, whereas 4 

and 5 printing cycles resulted in a thicker material (ink overflow) making it susceptible to 

deformations and washouts.  

 

Table 6.1. OCP drift values of inkjet-printed, thermally sintered 

electrodes in pH 7 buffer for different printing parameters.  

Printing cycles at RT Drift (mV/hour) Printing temperature (oC) of 3x Drift (mV/hour) 

2x 14.08 RT 4.16 

3x 4.16 40 21.48 

4x 6.44 50 23.44 

5x 36.08 60 57.56 

 

Subsequently, we proceeded with identifying the optimum sintering conditions 

through a comparison between thermally and chemically sintered PREs and their chlorinated 

counterparts. SEM analysis was employed to examine the surface morphology of each of the 

inkjet-printed silver layers. Figure 6.12 shows that the surface of the thermally sintered 

sample (Figure 6.12 (a)) is relatively continuous with neck formation whereas a development 

of individual particles (approximately 300 nm diameters; ImageJ 1.52a software was used for 

quantitative feature extraction) can be observed on the chemically sintered sample (Figure 

6.12 (b)). Following sodium hypochlorite treatment (Figure 6.12 (c)), this pattern is further 

intensified and larger particles (more than 650 nm diameters) become apparent. The 

particle formation for chemical sintering and sodium hypochlorite treatment can be 

attributed to the swelling of the silver nano-particles due to the formation of silver chloride 

layers, as reported also by Moschou et al.[9], da Silva et al.[10] and Qin et al.[11]. 
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Figure 6.12: SEM images of inkjet-printed silver nano-particle ink (a) thermally sintered at 

160 oC for 1 h, (b) chemically sintered by drop-casting 10 μl of 0.5 % (v/v) HCl in H2O and (c) 

chlorinated with sodium hypochlorite solution (6-14 % active chlorine). 

 

XPS was performed to investigate the surface chemistry of the printed electrodes 

after the various treatments. Figure 6.13 (a) shows the survey spectra including all major 

core and Auger lines. The thermally and chemically sintered electrodes show strong Ag 

signals, with additional contributions from Cl, K, I, C, and O. C and O are mainly due to 

surface contamination layers, which are easily visible due to the surface sensitive nature of 

XPS. I and K are attributed to the proprietary ink composition of Mitsubishi[12]. The 

chlorinated sample shows a more complex spectrum including additional metal signals from 

Ni and Cu, as anticipated by exposure to the underlying layers of the PCB (Cu metal layer 

with electrodeposited Ni as an adhesive layer for the final gold plating). Figure 6.13 (b) and 

Figure 6.13 (c) show the Ag and Cl core levels of the investigated electrodes. The Ag 3d core 

level occurs at binding energies (BE) typical for metallic Ag and AgCl. These two chemical 

environments are within 0.1 eV from each other and are therefore not resolved as individual 

peaks. The BE shifts observed are due to a change in the relative contributions from these 

two environments as changes in relative intensities of the two components are detected as 

an overall shift in BE. In addition, a contribution from Ag2O is observed as a small shoulder at 

lower BE to the main core line peak in the chemically sintered and chlorinated samples. The 

thermally sintered sample only shows trace amounts of Cl (3.6 rel. at% compared to Ag as 

determined from total peak area analysis of the XPS core level data), whilst the chemically 

sintered and chlorinated samples show the expected double peak with Cl levels of 17.6 and 
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76.3 rel. at% compared to Ag. Table 6.2 summarizes all relative atomic ratios from peak fits 

to the core level spectra. 

 

Figure 6.13: XP spectra of thermally and chemically sintered as well as chlorinated 

electrodes. (a) Survey spectra with all core levels and Auger lines indicated, (b) Ag 3d and (c) 

Cl 2p core level spectra. *This is data from Dr. Anna Regoutz group in UCL.   
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Table 6.2. Total relative atomic ratios (in rel. at.%) determined 

from the overall peak area of the core level spectra from XPS 

characterisation of the electrode surfaces. *This is data from Dr. 

Anna Regoutz group in UCL.   

Sample Ag 3d
5/2

 Cl 2p K 2p
3/2

 I 3d
5/2

 C 1s O 1s 

Thermally 

sintered 
24.2 0.9 3.8 1.2 49.8 20.1 

Chemically 

sintered 
14.2 3.0 1.9 0.4 48.9 31.7 

Chlorinated 2.3 7.3 0.1 >0.1 53.8 36.4 

 

It is evident from Figure 6.14 that the chemically sintered PRE is the most stable 

material with no potential fluctuations. Compared to the thermally sintered, it features a ten 

times lower standard deviation from the mean value (0.06 mV vs. 0.6 mV). Both chlorinated 

samples show a clear drift of 20 mV/h for the thermally sintered & chlorinated and 9.2 mV/h 

for the chemically sintered & chlorinated. 

 

 

Figure 6.14: The potential difference between the commercial Ag/AgCl (KCl) reference 

electrode and the PREs in pH 7 buffer for thermally and chemically sintered PREs and their 

chlorinated counterparts. 
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6.2.2 OCP Characterization under Continuous Flow 

 

After having confirmed promising results regarding PRE stability compared to the 

commercial reference electrodes, OCP measurements under buffer flow were performed, 

considering the integration of such structures in real-life biosensing platforms where the μL-

scale sample needs to be continuously injected over the electrodes. Figure 6.15(a) shows 

the OCP of the four different materials against the commercial reference electrode for a 

continuous 24 h flow of pH 7 buffer. It can be observed that the stability of the chemically 

sintered PRE is outstanding (0.04 mV/h), compared to reported inkjet-printed reference 

electrodes on a variety of substrates (Table 6.3). 

Conversely, the thermally sintered silver electrode exhibited a drift (2 mV/h) as 

anticipated by their non-flow performance. The chlorinated electrodes also exhibited a 

significant drift of 4.5 mV/h for the thermally sintered & chlorinated and 1.9 mV/h for the 

chemically sintered & chlorinated electrodes. The poor performance of the chlorinated 

samples compared to the chemically sintered one could be attributed to the severe 

chlorination which consumed a significant percentage of silver volume and led to weak 

attachment to the underlying gold. This is supported by the fact that exposed gold was 

evident after the 24 h buffer flow whereas the non-chlorinated samples remained physically 

intact (Figure 6.16). Moreover, tubing blockages at the outlet of the flow cell were frequent 

for the chlorinated samples, ascribed to the material delamination. Similar behavior was 

reported by da Silva et al.[10] for silver that experienced increased reaction time with the 

chlorination agent. Further study of the chlorination process followed by reducing the 

reaction time to 2 s and decreasing the sodium hypochlorite concentration by 50 %, but the 

electrode stability did not improve significantly. At this stage, it is interesting to note that 

chemically sintered samples with HCl percentage in water of 1 % (i.e. greater than the 0.5 % 

presented here) were also tested and demonstrated similar performance to the chemically 

sintered & chlorinated electrodes i.e. significant initial drift. This shows that the chlorination 

agent concentration is of crucial importance for the stability of the inkjet-printed electrodes.   

Finally, the stability of the chemically sintered PREs was assessed under acidic (pH 4) 

and basic (pH 10) buffer flow (Figure 6.15 (b)). Apart from the impressive stability under 

flow for all three pH buffers, the potential difference to the commercial electrode is similar 

for every case, rendering the electrode virtually insensitive to pH changes within the 4-10 pH 

range and thus stable across a broad range of biological samples.  It is worth mentioning that 

the chemically sintered electrode does not require any initial set-up time for the OCP to 

stabilize or any pre-conditioning. This is an attractive characteristic especially for PoC rapid 

diagnostic applications where the duration of the measurement is a significant parameter. 
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Figure 6.15: The potential difference between the commercial Ag/AgCl (KCl) reference 

electrode and the PREs under 7 μL/min flow of (a) pH 7 buffer for thermally, chemically 

sintered and their chlorinated counterparts and of (b)  pH 10, pH 7 and pH 4 buffer for 

chemically sintered. 

 

Table 6.3. Comparison of inkjet-printed pseudo-reference electrodes 

with respect to reported drift values compared to commercial 

Ag/AgCl reference electrode.  

Reference  Drift (mV/hour) Substrate Printer Ink 

Moya[13] 0.13 (static, 24 h) PEN DMP 2831 AgNP (ANP Korea) 

Da Silva[10] 
No value reported, brief exposure to 

solution (static, <30min) 
PET, paper DMP 2800 

AgNP (Sigma-

Aldrich) 
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Qin[11] 0.6/0.3 (static, 16 h) Glass/PI DMP 2831 Non-commercial 

This work 0.04 (flow, 24 h) PCB 
Circaprint 

6080 

AgNP (Mitsubishi 

Paper Mills Ltd) 

 

 

Figure 6.16: Photographs of inkjet-printed, (a) chemically sintered and (b) chlorinated silver 

reference electrodes taken after 24 h of continuous buffer flow. 

 

6.2.3 Influence of DC Voltage Bias on PRE Long-Term Operation Stability 

 

The influence of the DC voltage bias was evaluated on the PRE that demonstrated 

the best stability on the previous measurements (i.e. the chemically sintered one). This 

highlights the importance of stable pseudo reference electrodes under voltage bias 

application facilitating them as reliable gate electrodes of electrolyte-gated 

transistors[14],[15]. Employing this biosensing configuration in long-term measurements 

implies repetitive on/off bias cycles over long periods of time under continuous flow of 

reagents; the effect this pattern has on the reliability of the biosensor reading has not been 

probed until now. 

Three different behaviours were observed: unstable behavior after the voltage bias 

where the signal did not recover the initial OCP value (before the voltage bias), stable 

behaviour where the voltage bias did not affect the OCP and stable behavior with spikes 

where the signal recovered the initial value but with temporary voltage spikes. Figure 6.17 

shows an indicative OCP plot of an electrode which has undergone the voltage bias stress, 

previously described in Chapter 5. Here, the PRE is not affected by the 0.3 V bias (stable 
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behaviour), stable behaviour with temporary spikes of 80 mV is observed for 0.6 V and 

unstable behavior for 0.9 V. 

 

Figure 6.17: Influence of voltage bias stress on the stability of a chemically sintered PRE 

under 7 μL/min flow of pH 7 buffer. Each voltage bias level (0.3 V, 0.6 V and 0.9 V) was 

applied for three consecutive times (duration of each voltage bias was 1 min). The red dots 

are the first OCP values after each voltage bias.    

 

As Figure 6.18 reveals, 17 % of the chemically sintered PREs were unstable even 

after the lowest tested stress voltage bias (0.3 V) whereas 17 % were unaffected by any 

tested voltage bias. Finally, 50 % were stable after the 0.3 V bias and 17 % were stable after 

the 0.6 V bias. These findings prove for the first time through systematic reference electrode 

stress analysis that the reference microelectrode material aging under voltage bias stress 

has to be taken into serious consideration when designing integrated electrochemical 

biosensors and diagnostic microsystems, as the reference electrode stability will comprise a 

significant factor in biosensing stability and long term reliability. 
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Figure 6.18: Influence of the voltage bias stress on the stability of the chemically sintered 

PREs with the corresponding percentages of the tested samples. 

 

6.3 Graphene Ink 
 

Firstly, the graphene aqueous inks from “Advanced Materials Development” (see 

Chapter 5.2.2) were tested for inkjet-printing. Inkjet-printing of these inks was not feasible 

by any means i.e. the ink would not pass through the print-head even if external pressure 

was applied directly on the inlet of the head using a syringe. After experimenting with 

graphene ink in multiple printer channels, the graphene ink was replaced with standard 

colour ink which was successfully printed after a few cleanings cycles. Therefore, there was 

no permanent damage to the printer-head nozzles due to possible clogging by graphene ink. 

On the other hand, the “CG ink 1” graphene ink by “Cambridge graphene limited” 

was successfully printed. Figure 6.19 shows photos of multiple prints of this ink on standard 

paper, where 1x print is also visible. Up to 12 successive layers of 15 mm x 15 mm patterns 

were printed but no conductivity was observed at any stage. It is important to state that the 

prints did not require any drying procedure contrary to the previously presented silver ink. 
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Figure 6.19: Photos of multiple printing cycles of the inkjet-printed graphene ink (CG ink 1, 

Cambridge graphene limited) on standard paper. 

 

Consequently, having confirmed that the printer is capable of printing the “CG ink 1” 

ink, printing on PCB substrate followed. The same 15 mm x 15 mm patterns were printed on 

the EGFET PCBs covering the source and drain silver electrodes to investigate their 

resistance. Figure 6.20 (a) shows two successive I-V curves of graphene printed 40 times. 

The second curve coincides with the first exhibiting a non-linear behaviour and a resistance 

of 1.9*103 MOhm is calculated from the linear part. However, the third consecutive I-V curve 

resulted in a totally different response as Figure 6.20 (b) highlights: inconsistent current 

readings for the whole range of the voltage bias indicating possible loss of contact between 

graphene and silver electrodes or deterioration of the graphene cohesion, probably caused 

by the previous bias stress. 
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Figure 6.20: (a) Two successive I-V curves of the “CG 1 ink” graphene ink, inkjet-printed (40 

printing cycles) on top of silver electrodes, on PCB. (b) A third successive I-V curve is added.  

 

Figure 6.21 shows another set of I-V curves on a second pair of electrodes covered 

by inkjet-printed graphene. Here, three I-V curves were extracted at 10, 15 and 20 printing 

cycles to correlate them with the graphene resistance. Resistance is decreased by increasing 

the printing cycles i.e. by increasing the amount of the deposited material. This is opposite 

to what was observed with the Mitsubishi silver ink where multiple printing cycles led to 

increased resistance due to the also increased amount of ink surfactants and polymers. This 

is an indication of the simpler nature of this ink as in addition, no sintering was necessary. As 

mentioned in the respective experimental part in Chapter 5, even the drop-casted graphene 

(i.e. considerable more ink volume deposited than the inkjet-printed) required only drying to 

evaporate the water. Compared to the previous device in Figure 6.20, this was less resistive 

as 10 printing cycles exhibited ~2.1*103 MOhm compared to almost the same value for 40 

printing cycles of the previous device. The deterioration of the curve quality due to the 

voltage bias stress is also present here.  

 

Figure 6.21: I-V curves of the “CG 1 ink” graphene ink, inkjet-printed at 10, 15 and 20 printing 

cycles, on top of silver electrodes, on PCB. 

 

At this stage, an account on the printing reliability of this ink has to be done. Printing 

of the “CG 1 ink” graphene ink was feasible for ~100 printing cycles after which the printer 

was not able to continue printing it. Similar troubleshooting was attempted to what was 

previously unsuccessfully done with the “Advanced Materials Development” graphene inks 

and the printer channel was reverted to working condition.  
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Conclusions with regard to the inks characteristics can be drawn from the fact that 

none of the “Advanced Materials Development” graphene inks were feasible to be printed 

contrary to the “CG 1 ink”. According to Kuscer et al.[16], the ratio between the printer 

nozzle diameter and the diameter of the largest particle in the ink has to be at least 50:1 to 

avoid clogging issues from the particles. In our case and taking into account one of the 

smallest typical nozzle diameters (20 μm) that is found in inkjet-printers (as this information 

is not disclosed by the manufacturer), this ratio is 40:1 for “CG 1 ink”, 18:1 for GDHM and 

63:1 for both GDHP and GDHB. Thus, this parameter does not solely explain our findings as 

the ratio for the GDHP and GDHB is more favourable than the “CG 1 ink”. However, the 

results are likely to be related with the ink viscosities: 1 cP for all the “Advanced Materials 

Development” and 3-4 cP for the “CG 1 ink”. This is further supported by the 4 cP viscosity of 

the Mitsubishi silver ink, similar to the “CG 1 ink”, since no printing problems were ever 

experienced with this ink.  

On that note, a custom graphene ink was requested to “Cambridge graphene 

limited” with the same characteristics of the “CG 1 ink” but with higher concentration (2-3 

g/L compared to 0.2-0.5 g/L), in order to print as less resistive graphene as possible with the 

least printing cycles. Figure 6.22 shows the SEM image of this ink printed on PCB. Figure 6.23 

(a) shows I-V curves of the custom ink. A single printing cycle was not enough to form a 

conductive channel. However, conductivity was observed upon printing a second time and it 

was further improved by printing a third time. This is a significant difference to the “CG 1 

ink” which required multiple printing cycles. An interesting finding is that the resistance final 

value is obtained after some time after the material deposition e.g. ~30 min after the third 

printing cycle (blue curve). As expected, the custom ink was several orders of magnitude 

more conductive than the “CG 1 ink” as after only three printing cycles the resistance was 

stabilized at 8.8 KOhm. Another difference regarding the I-V curves between the previously 

tested “CG 1 ink” and this custom ink is the linear behaviour of the curves indicating 

improved contact at the electrode-graphene interface owing to the more robust deposition 

of the concentrated ink. 
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Figure 6.22: SEM image of the custom graphene ink (Cambridge graphene limited), inkjet-

printed on PCB. 

 

Figure 6.23 (b) shows the transfer curve of the inkjet-printed graphene EGFET, 

acquired by drop-casting 20 μL of 0.1X PBS to create the electrolyte gate. Typical amphipolic 

graphene behaviour is observed. At this stage and after only 8 printing cycles, the printer 

stopped printing graphene. The easier clogging of the printer nozzle by the custom ink 

compared to the “CG 1 ink” can be explained by the enhanced agglomeration of the sub-

micrometer-sized particles due to their higher concentration[16].  

The work that led to the transfer curve in Figure 6.23 (b) is thoroughly presented in 

the next chapter where drop-casted graphene was studied as the transistor channel 

material. The next chapter explores the electrical properties of the fabricated EGFETs by 

means of the drop-casting technique. The latter was favoured to accelerate the electrical 

characterization of the devices as it is simpler than inkjet-printing, thus overcoming any 

essential troubleshooting with the inkjet-printing process. 
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Figure 6.23: (a) I-V curves of the custom graphene ink (Cambridge graphene limited) inkjet-

printed one, two and three times on top of silver electrodes, on PCB. Every I-V was taken 

after inkjet-printing except for the blue curve which was taken 30 min after the deposition. 

(b) Transfer curve (Vds = 0.8 V, 0.1X PBS) of the inkjet-printed graphene electrolyte-gated 

transistor (Cambridge graphene limited, custom graphene ink, three printing cycles)). 

 

References 
 

[1] G. Hu and R. C. T. Howe, Printing of Graphene and Related 2D Materials. Springer. 

[2] F. Torrisi et al., “Inkjet-printed graphene electronics,” ACS Nano, vol. 6, no. 4, pp. 
2992–3006, 2012. 

[3] H. Hu and R. G. Larson, “Marangoni Effect Reverses Coffee-Ring Depositions,” J. Phys. 
Chem. B, pp. 7090–7094, 2006. 

[4] P. He and B. Derby, “Controlling Coffee Ring Formation during Drying of Inkjet Printed 
2D Inks,” Adv. Mater. Interfaces, vol. 1700944, no. October, pp. 2–7, 2017. 

[5] D. Soltman and V. Subramanian, “Inkjet-Printed Line Morphologies and Temperature 
Control of the Coffee Ring Effect,” Langmuir, no. 8, pp. 3506–3513, 2008. 

[6] Y. Li, Q. Yang, M. Li, and Y. Song, “Rate-dependent interface capture beyond the 
coffee-ring effect,” Sci. Rep., vol. 6, no. March, pp. 1–8, 2016. 

[7] F. Loffredo et al., “Ink-jet printing technique in polymer/carbon black sensing device 
fabrication,” Sensors Actuators, B Chem., vol. 143, no. 1, pp. 421–429, 2009. 

[8] A. I. Titkov, O. G. Bukhanets, R. M. Gadirov, Y. M. Yukhin, and N. Z. Lyakhov, 
“Conductive inks for inkjet printing based on composition of nanoparticles and 
organic silver salt,” Inorg. Mater. Appl. Res., vol. 6, no. 4, pp. 375–381, 2015. 

[9] D. Moschou, T. Trantidou, A. Regoutz, D. Carta, H. Morgan, and T. Prodromakis, 
“Surface and electrical characterization of Ag/AgCL pseudo-reference electrodes 



127 
 

manufactured with commercially available PCB technologies,” Sensors (Switzerland), 
vol. 15, no. 8, pp. 18102–18113, 2015. 

[10]  and A. M. Everson Thiago Santos Gerôncio da Silva,†,  Sandrine Miserere,† Lauro 
Tatsuo Kubota, “Simple On-Plastic/Paper Inkjet-Printed Solid-State Ag/AgCl 
Pseudoreference Electrode,” Anal. Chem., vol. 86, pp. 14–17, 2014. 

[11] Y. Qin, A. U. Alam, M. M. R. Howlader, and M. J. Deen, “Inkjet Printing of a Highly 
Loaded Palladium Ink for Integrated , Low-Cost pH Sensors,” Adv. Funct. Mater., vol. 
26, no. 27, 2016. 

[12] “Mitsubishi Paper Mills Limited, Silver Nano-particle Ink.” *Online+. Available: 
http://www.k-mpm.com/agnanoen/agnano_ink.html. 

[13] A. Moya et al., “All-inkjet-printed dissolved oxygen sensors on fl exible plastic 
substrates,” Org. Electron., vol. 39, pp. 168–176, 2016. 

[14] L. Kergoat, B. Piro, M. Berggren, G. Horowitz, and M. C. Pham, “Advances in organic 
transistor-based biosensors: From organic electrochemical transistors to electrolyte-
gated organic field-effect transistors,” Anal. Bioanal. Chem., vol. 402, no. 5, pp. 1813–
1826, 2012. 

[15] B. M. Dankerl et al., “Graphene Solution-Gated Field-Effect Transistor Array for 
Sensing Applications,” Adv. Funct. Mater., vol. 20, pp. 3117–3124, 2010. 

[16] D. Kuscer and J. Z. Shen, Advanced Direct Forming Processes for the Future. Elsevier 
Inc., 2014. 

 

 



128 
 

 

 

 

 

 

 

Chapter 7: Electrolyte-Gated Field-Effect Transistor on PCB: 

Investigation of Electrical Properties 
 

Here, the fabrication of EGFETs on PCBs is investigated with the aim to construct 

suitable devices for biosensing applications. The drop-casting technique was adopted to 

accelerate the electrical characterization, benefiting from its simpler nature compared to the 

more demanding inkjet-printing. 

7.1 Drop-casted Graphene Ink 

 

The transistor fabrication was previously described in Chapter 5. The “Advanced 

Materials Development” graphene inks were evaluated regarding the drop-casting 

formation of the transistor channel.  

Firstly, the GDHM ink was tested as it has the highest mean number of graphene 

layers, the largest length of flakes among the others and the highest graphene concentration 

along with the GDHP. The higher graphene loading could aid the biosensing capabilities as 

the high mean number of layers and the large flake length could potentially increase the 

surface area and thus promote the bio-molecular binding. Furthermore, the smallest 

channel length of 0.127 μm was firstly selected for the EGFET study. 

As Figure 7.1 (a) illustrates, conductive channel was formed and ohmic behaviour 

was observed between silver and graphene. Successive solution drops of 5 μL on the same 

channel decreased the resistance progressively. I-V curves in both dry state and electrolyte 

presence were performed to evaluate the influence of the electrolyte (10X PBS) to 

graphene. Figure 7.1 (b) does not show any significant influence of the electrolyte to 

graphene. 
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Figure 7.1: (a) I-V curves of successive solution drops of 5 μL graphene ink. (b) I-V curves of 

graphene without and with the presence of electrolyte (10X PBS).  

 

Figure 7.2 (a) shows the initial transfer curves obtained with 10X PBS and at -1 < Vgs 

< 1 sweep range. The behaviour is highly unpredictable and not repeatable, with negative 

drain current values while it does not resemble the typical graphene transfer curves with the 

pronounced VDirac. The same applies to the transfer curves with extended Vgs sweep range in 

Figure 7.2 (b).    

However, more graphene-like transfer curves were obtained when the 

measurement scan rate was changed to 200 mV/s from the default 2 V/s (of the curves in 

Figure 7.2 (a), (b)). Figure 7.2 (c) shows the characteristic amphipolic graphene behaviour at 

200 mV/s scan rate of the gate voltage. Increased drain current is measured for increased 

drain voltage (3 V versus 2 V) while no drain current modulation is noted when milli-q water 

replaces PBS, as expected. In addition, Figure 7.2 (d) strongly confirms the field-effect where 

output curves for varying Vgs are presented. It is essential to note that the stability and 

reproducibility of the curves were still compromised. This was due to high Vgs and Vds voltage 

biases applied to the devices which in turn generated high channel current. This can induce 

electrolytic reactions along with chemical reaction between the surfactants in the ink and 

the PBS buffer. Figure 7.3 (a) shows the material formation caused by the high voltage bias. 

Apart from the induced instability regarding the measurements, it is self-evident that this 

formation would critically hinder future attempts regarding functionalization. This was 

diminished (Figure. 7.3 (b)) by limiting the applied voltage range to lower than 0.5 V for Vds 

and 1.2 V for Vgs to avoid any side-effects from voltage-induced chemical reactions. This is a 

common practice in the literature although with some exceptions[1],[2]. In addition, the 

high salt concentration in the 10X and 1X PBS buffer solutions was also a factor that 

contributed to instabilities and in several cases the VDirac was not as pronounced as in the 

0.1X PBS case due to the heavily unbalanced branches of the graphene transfer curve 

(Figure 7.4). Thus, 0.1X PBS was selected for further electrical characterization and the 

biosensing study. As it is already mentioned in Chapter 4, the PNA-DNA duplex robustness is 

not affected by the ionic strength of the solution; therefore the employment of high ionic 

strength hybridization buffer to neutralize the repulsive forces of the DNA-DNA duplex is not 
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necessary[3],[4]. This is a well-received characteristic as the sensor is exposed to only one 

buffer concentration during the assay steps, avoiding the risk of cross-contamination due to 

the high salts concentration of some steps. In addition, low ionic strength buffers are usually 

favoured for the Debye-length increase which results in improved sensitivity. 

 

Figure 7.2: The initial transfer curves of the graphene electrolyte-gated transistor in 10X PBS 

and 2 V/s scan rate at (a) -1 < Vgs < 1 V and (b) -5 < Vgs < 5 V. (c) Transfer curves at 200 mV/s 

scan rate. (d) Output curves with varied gate voltage. 
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Figure 7.3: (a) Material formation on graphene electrolyte-gated FET after application of 

high voltage bias (Vds > 1 V). (b) No material formation is observed after application of low 

voltage bias (Vds = 0.1 V). 

 

Figure 7.4: Transfer curves of the graphene electrolyte-gated transistor in 10X PBS and 1X 

PBS with non-pronounced VDirac point.  

 

The above findings led to the optimization of the parameters with respect to the 

EGFET operation. Figure 7.5 (a) shows the transfer curve with the optimized parameters 

(0.1X PBS, 50 mV/s scan rate and safe voltage values |Vgs| < 1, Vds = 100 mV) that were 

retained for the biosensing study of the device. Here, the typical amphipolic graphene 

behaviour is confirmed in a narrow Vgs sweep range with asymmetric n-type and p-type 

branches (although not as asymmetric as in Figure 7.4) while p-type semiconductor 

behaviour is observed as indicated by the positive magnitude of the Dirac point. The 

asymmetrical branches and this p-type doping are consistent with previous reports and can 

be attributed to the environmental exposure influence[5],[6],[7],[8],[9],[10]. It is worth 

mentioning that the transfer curve is of good quality, similar to what is shown in the 

literature. It is also important to note that the jagged appearance of the transfer curves of 

Figure 4.4 (a) (chapter 4.1) is an exception. As it is expected for these devices, the leakage 

current (Igs) between the gate and the source is not negligible as the drain and source 

electrodes are not passivated to prevent contact with the electrolyte through the 

discontinuation of the graphene layer covering them. Nevertheless, Figure 7.5 (a) shows Igs 

being less than 4.7 % of Ids at the -0.25 V to 0 V range of Vgs while two orders of magnitude 

difference is exhibited at positive values of Vgs. These values compare well [11] and 

favourably [12] with other graphene EGFETs with non-passivated electrodes in the literature. 

Proceeding to the output curves, Figure 7.5 (b) shows the decrease of Ids with a 

reduction of the gate voltage from 0.98 V to 0.48 V, designating the gate influence to the 

channel current and revealing again the p-type doped graphene. The linear behaviour of the 

curves indicates the lack of noticeable Schottky barriers or charge traps at the electrode–
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graphene interface. A comparison to Figure 7.2 (d) shows the compromised character of the 

output curves in high concentration buffer (10X PBS) and under high gate voltage biases (> 1 

V).  

 

Figure 7.5: (a) Transfer and leakage current curves (Vds = 0.1 V, 0.1X PBS) and (b) output 

curves of the graphene electrolyte-gated transistor. The gate voltage is varied from 0.48 to 

0.98 V with an interval of 0.1 V. Magnification in inset. 

 

At this point, after having demonstrated the field-effect operation and decided on 

the working parameters of the graphene EGFET, a comparison on the effects that different 

PBS concentrations and Vgs scan rates have on the VDirac point and transconductance (Gm) 

values was performed, mainly with the aim to compare our findings with the results 

reported in the literature. Figure 7.6 (a) shows the minimal influence of the Vgs scan rate to 

the VDirac and the linear left shift of the VDirac with increasing concentration of the PBS buffer 

solution and are in good agreement with previously reported results[8]. The Dirac point shift 

due to the ionic concentration has been explained in terms of the screening of impurity 

charges by the ions in the buffer solution [8],[13]. More specifically, the negatively charged 

impurities that are trapped between the graphene and the substrate (responsible for the 

intrinsic p-type behaviour) are screened by the increased number of positive charges 

attracted by the stronger buffer resulting in the left shift of the Dirac point.  

Figure 7.6 (b) shows the maximum Gm dependence on the PBS concentration and 

the Vgs scan rate. Decreased scan rate seem to promote the Gm in the same manner for each 

PBS concentration while Gm is substantially increased for increased PBS concentration as it 

was recently found by Purwidyantri et al.[14]. This is explained by the neutralization of the 

charged defects in the graphene/substrate interface that otherwise hinder the electron 

mobility acting as scattering centers. The transconductance normalised to Vds and number of 

squares (one □ is when W/L = 1) is calculated to be 230 μS*V-1/□ at 50 mV/s and in 10X PBS, 

a value similar to what was reported for epitaxial graphene on SiC substrate[15]. 
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Figure 7.6: (a) VDirac position of an electrolyte-gated graphene FET determined in different 

concentrations of PBS for varying Vgs scan rate. (b) Transconductance (Gm) versus Vgs scan 

rate of graphene electrolyte-gated transistor for varying PBS concentration. 

 

  Furthermore, the hysteresis characteristics of the transfer curve were investigated. 

It is worth to study the hysteresis of an electrolyte-gated transistor as hysteresis can 

introduce uncertainty in measuring the doping level of graphene and therefore degradation 

of the device sensitivity and accuracy towards the detection of the analyte 

[16],[17],[18],[19],[20] and is a common flaw in biosensors [16] . To this end, forward 

(starting from negative Vgs values) and backward (starting from positive Vgs values) transfer 

curves were performed for three different Vgs scan rates. For the sake of comparison, all of 

the investigated devices exhibited reproducible hysteresis in Ids versus Vgs characteristics. 

Figures 7.7 (a), (b) show that the two curves tend to converge by decreasing the scan rate 

from 100 mV/s to 20 mV/s as also revealed by the shrunken enclosed loop area and the VDirac 

shift (Figure 7.7 (d)), while further decrease of the enclosed loop area is exhibited at 10 

mV/s (Figure 7.7 (c)) where a left-shift hysteresis has changed to a right-shift hysteresis.  

The hysteresis reduction by the scan rate decrease and the inversion between the 

hysteresis curves for the lowest tested scan rate indicates the co-existence of two competing 

mechanisms; the electrical double layer capacitance effect and the charge trapping effect. 

The finding of this hysteresis behavior of our drop-casted graphene on PCB devices are in 

agreement with Wang et al.[18] for electrolyte-gated FETs with CVD graphene transferred 

on SiO2/Si substrate, suggesting that similar mechanisms apply. Their proposed underlying 

mechanism for the negative hysteresis (occurred at faster Vgs scan rates) is the electrical 

double layer capacitance effect caused by the delay in the movement of ions accumulated at 

the graphene/electrolyte interface during the second sweep due to the “remembering” 

effect from the first sweep. The relaxation time of the gate potential distribution in the 

solution is sensitive to sweeping rate and thus slower scan rate leads to reduced hysteresis. 

However, the slow scan rate reveals a second hysteretic mechanism which originates from 

the charge trapping effect. This is the modulation of the trapped charges density by the gate 

voltage, which accumulate in the pre-existing defects between graphene and the 

substrate[18]. In this case, the hysteresis shift is positive (i.e. right shift of the second sweep 

curve) as negative charges are accumulated in charge traps below graphene during the first 
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voltage sweep in the positive regime, so graphene is even more p-doped and subsequently 

the VDirac of the hysteresis curve is more positive.     

 

Figure 7.7: (a) – (c) Hysteresis curves of the graphene electrolyte-gated transistor for various 

scan rates of the sweeping gate voltage, (d) Loop area enclosed between two transfer curves 

by sweeping forward and backward the gate voltage and respective VDirac change as a 

function of the scan rate. 

 

Moving on now to investigate how the transistor behaviour changes with different 

W/L ratios, graphene was similarly drop-casted on the 200 μm and 400 μm channel lengths. 

Figure 7.8 (a) shows the I-V curves for the three channel lengths where the channel 

resistance is higher for the increased channel length, as expected. All the channels retain 

ohmic behaviour. Figure 7.8 (b) shows the Gm dependency on the width-to-length (W/L) 

ratio, which is usually overlooked in the literature. It is linearly dependent on the W/L ratio 

of the device, as previously reported [21],[22]. Thus, the selection of the small channel (127 

μm) for the biosensing study will be further benefited from the superior Gm compared to the 

other two channel lengths. 

Possible passivation strategies of the drain/source electrodes were considered to 

investigate how the leakage (Igs) to channel current (Ids) ratio is influenced. Silicon compound 

(MS4, Dow corning) was applied on the electrodes to isolate them from the electrolyte 

solution. Similar silicone compounds have been used in the literature [8],[23],[24] for 

graphene EGFETs for biosensing applications. Passivation of the electrodes with solvent 

based lithographic procedures was not preferred to avoid any unforeseen chemical 

interference to the graphene channel that could induce complications in functionalizing it 
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and using it as the transduction element for biosensing. In addition, photolithography is not 

a technique that is considered compatible with this project, in which the low cost and 

printed techniques are prioritized. Ideally, inkjet-printing of a passivizing ink directly and 

precisely on the electrodes would be the superior process for this application. Figure 7.8 (c) 

shows the ratio for non- and passivated electrodes for each channel length device. Igs/Ids 

ratio is massive at the larger channel devices due to the more resistive channel. It is evident 

that the passivation succeeds in decreasing Igs/Ids for every channel length although the 

improvement is minimal for the small length (0.127 μm). Nonetheless, passivation was not 

further used for the biosensing study as the silicon compound was not entirely in solid state 

(loses its grease like form at > 260 oC) and thus not trustworthy for prolonged 

measurements. 

Finally, with regard to GDHP and GDHB graphene inks, their transfer curves are 

depicted in Figure 7.8 (d) and compared to GDHM; as expected by their characteristics 

previously mentioned in Chapter 5, GDHB Is less conductive due its lower mean number of 

layers and concentration compared to GDHP which in turn has fewer layers than the 

similarly concentrated GDHM. No further characterization or study was performed on these 

as the main reason for purchasing them was inkjet-printing and potential better 

compatibility with the printer than GDHM.  

 

Figure 7.8: (a) I-V curves of drop-casted graphene on three different transistor channel 

lengths. (b) Transconductance (Gm) dependency on W/L ratio. (c) Leakage (Igs) to channel 

current (Ids) ratios dependency on drain/source electrodes passivation for the three channel 

lengths. (d) I-V curves of the three different, drop-casted graphene inks. 
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7.2 Drop-casted PEDOT:PSS Ink 

 

Efforts on implementing materials other than graphene for the EGFET channel 

formation were performed. PEDOT:PSS ink was similarly drop-casted, however it 

delaminated from the substrate as soon as the PBS solution was placed on the device. 

Higher substrate temperatures and smaller than 5 μL ink droplets were attempted but no 

improvement was observed on this issue. Significant improvement was achieved by the 

plasma treating the substrate with the aforementioned parameters in Chapter 5, prior to the 

ink drop-casting. With this substrate cleaning, the material delamination was very limited 

and only on the initial contact with PBS, after which a short wash to remove the few 

delaminated layers followed. The remaining deposited material was stable and no visual 

degradation of the film could be observed on the time scale at which measurements were 

undertaken. 

Figure 7.9 (a) illustrates typical transfer characteristics of the PEDOT:PSS EGFET 

along with the respective transconductance curve. Typical p-type behaviour is confirmed as 

also reported in the literature [25],[26],[27],[28]. Upon positive gate voltage bias, cations 

from the electrolyte enter the polymer film and counterbalance the negative charges of the 

polyanionic dopant PSS [26], reducing the channel current. The maximum transconductance 

value is shown to be 0.61 mS and the normalised value is calculated to be 0.052 mS*V-1/□  at 

Vds= 0.3 V, in 0.1x PBS, a close value to 0.08 mS*V-1/□  reported for spin-coated PEDOT:PSS 

on PLGA substrate[26]. The Vgs at which transconductance achieves maximum value is 

Vgs(Gm, max) = 0.59 V, which is among the most positive gate voltage values found in the 

literature for PEDOT:PSS EGFETs. This is attributed to the previously reported findings[29] 

according to which the Vgs(Gm, max) increases with the PEDOT:PSS thickness and the W/L ratio 

of the channel. Our W/L ratio is among the highest in the literature and the material 

thickness must also be quite high due to the drop-cast method; thus the right shifted Vgs(Gm, 

max). Transfer curves were also performed at the 200 μm and 400 μm channels but they were 

of poor quality and consequently no proper transconductance curves were extracted to 

confirm the control of the Vgs(Gm, max) position by the W/L ratio. Finally, Figure 7.9 (b) shows 

the output curves for multiple gate voltage values (-0.5 V < Vgs < 0.5 V) where linear 

behaviour is observed for low drain voltage values and current saturation for higher values, 

in good agreement with the literature [27],[26],[30]. 
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Figure 7.9: (a) Transfer characteristics and associated transconductance (Gm) at Vds = 0.3 V 

for PEDOT:PSS in 0.1X PBS and (b) output curves for Vgs from -0.5 V to 0.5 V. 

 

7.3 Drop-casted MoS2 Ink 
 

Unlike PEDOT:PSS which was ultra-conductive and did not require any sintering 

treatment, post-deposition treatment was essential for the MoS2 ink to retrieve its electrical 

properties. This seems to be the rule for MoS2 inks as the vast majority employ polymeric 

binders to control efficiently the flakes patterning (e.g. spatially uniform flake distribution) 

[31]. For these inks (polymeric), it is usually essential to remove the polymeric binders after 

printing because the polymers form an integral part of the printed films[31]. Possible 

methods to remove these polymers include high temperature annealing (> 500 oC) or 

intense pulsed light (flash annealing) [31],[32]. Considering that the PCB substrate cannot 

withstand such high temperature and no flash annealing equipment was available, several 

other sintering attempts followed but none was successful in altering the film to acquire its 

semi-conductive properties. These attempts included heating at 248-258 oC in the oven 

(maximum temperature the oven can achieve) for 0.5 h up to 6 h, 350 oC for 5 min on 

hotplate (too high temperature for PCB as it was starting to melt), heating at 70 oC under 

vacuum for 24 h and UV exposure (printer’s UV lamp) starting from 10 min and up to 3 h. 

At this point, laser sintering was considered as it is a process that can heat to a great 

degree a limited area, precisely and most importantly rapidly without damaging the 

substrate. The pattern to be treated by the laser beam was designed in Altium Designer® 

and was essentially the area of the channel along with the electrodes. The critical parameter 

of this design was its offset of 0.2 mm with respect to the actual MoS2 channel. This is shown 

in Figure 7.10 where an optical microscope photo of the laser sintered MoS2 is illustrated. 

The dark pattern is the actual area where the laser beam was focused and it is shifted at 0.2 

mm left from the MoS2 channel. This was done to avoid direct contact of the laser beam 

with the channel as our previous experiments showed the laser was too powerful and 

destroyed the material. However, this offset provided enough heat to sinter the material. 
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SEM images before and after the laser sintering are provided in Figure 7.11 where a 

clear material transformation is observed: the material has a swollen appearance with 

numerous spherical structures after the laser-sintering. Figure 7.12 (a) shows the transfer 

characteristics of the laser sintered MoS2 in 0.1X PBS. It clearly exhibits n-type behaviour as 

it was reported for most MoS2 EGFETs in the literature along with some amphipolic 

cases[33],[34],[2],[16]. A curve for the non-sintered material is also added to show that 

there was no field-effect on that. Our device Ion/off ratio is, as expected, very poor compared 

to the literature and this is attributed to the non-optimized sintering method. It is expected 

that thermal sintering at over 500 oC in vacuum is the most efficient sintering method but 

this cannot be applied to our PCB substrates. Finally, Figure 7.12 (b) shows the output curves 

of the laser sintered MoS2 at Vgs values between -1.5 V and 1.8 V depicting clear modulation 

of the channel current by the Vgs bias. 

 

Figure 7.10: Optical microscope photo of the laser sintered MoS2 drop-casted film. The laser 

beam was focused with an offset from the actual MoS2 channel.  
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Figure 7.11: SEM image of the MoS2 ink (Advanced Materials Development) drop-casted on 

PCB (a) before and (b) after laser sintering. 

 

 

Figure 7.12: (a) Transfer characteristics at Vds = 0.4 V for laser sintered and non-sintered 

MoS2 in 0.1X PBS and (b) output curves for Vgs from -1.5 V to 1.8 V. 

 

7.4 Drop-casted CuO Nanoparticles Solution 
 

Copper oxides (CuxO) have been used as working electrodes for non-enzymatic 

glucose sensors[35],[36] and as channel material for thin film transistors (TFT) 

demonstrating p-type semi-conductive behaviour[35],[37]. CuxO have not been explored as 

channel materials for EGFET applications with liquid electrolytes; there is only one report in 

which composite solid polymer electrolyte is used to obtain an all-solid state device with 

Cu2O as the channel material[38]. It was reported that CuxO dissociates in liquid-based 

electrolytes[35],[39]. In this instance, a brief study was performed and the highly unreliable 

character of the CuO nanoparticles was proven. As Figure 7.13 shows, one droplet (5 μL) of 

the solution was drop-casted on the transistor channel and an I-V curve was performed 

exhibiting conductive behaviour. At that time, PBS buffer was drop-casted on the channel, 
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left for a few minutes and then was washed. A second I-V curve was performed exhibiting 

massively increased current. The same procedure was repeated was a second successive 

CuO droplet: the channel resistance was massively and unpredictably influenced by the PBS 

exposure, making further study of such a device unworthy for biosensing applications. 

Transfer curves were also attempted and as expected, erroneous behaviour with no field-

effect was observed. 

 

Figure 7.13: I-V plots of drop-casted CuO nanoparticles solution. The influence of PBS 

electrolyte buffer on the material. 

 

 Following the electrical characterization of the EGFETs on PCB and especially the 

presented reliable behaviour of the graphene EGFETs, the biosensing application of these 

devices is presented in the next chapter. 
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Chapter 8: Graphene Electrolyte-Gated Field-Effect Transistors 

on PCB: Sensing Characterization 
 

This chapter deals with the pH sensitivity of the fabricated graphene EGFETs and the 

underlying mechanisms where a study in real sample (human urine) is attempted. The 

investigation of the ctDNA detection with the fabricated graphene EGFETs is presented 

where the importance of the linker molecule for the PNA probe immobilization is 

highlighted. It is shown that selective detection of the target DNA is feasible and the sensing 

mechanism is discussed. 

8.1 pH sensitivity 
 

 Graphene transistor-based pH sensors have been developed by several research 

groups [1],[2],[3],[4] ,[5],[6]. Even though, the scope of this project is not the development 

of pH sensors, the investigation of the pH sensing characteristics of the presented graphene 

EGFETs are of paramount importance for any clinical samples study (instead of the 

laboratory-prepared buffers). Testing of any biosensing device against clinical samples is the 

ultimate and definitive performance test from an analytical perspective, as they may induce 

several instability factors that always influence the electronic output of a sensor. Different 

clinical samples vary to a great extend with respect to their characteristics (e.g. pH, ionic 

strength).  

On that note, the VWR pH buffers were employed to investigate any pH sensing 

capability of the graphene EGFETs. Figure 8.1 shows the mean values of the VDirac responses 

to pH 4, pH 6 and pH 8 of three devices. First, the pH 6 measurement was performed, 

followed by pH 8, pH 4 and again pH 6 in this order. It is a good practice to perform the pH 

measurements in a mixed sequence of low and high pH values and not in the serial order 

from the lower to the maximum (or from the maximum to the lower) pH value. A serial pH 

order experiment could lead to misleading results in case of both insensitivity to pH and drift 

of the sensor. Also, performing the pH measurement in not serial order is more realistic, 

thus it provides a tougher test for the sensor. On the other hand, measurements from the 

lowest to the highest tested concentration are always performed in DNA detection 

experiments (and generally any chemical or biological analyte sensing experiment) as these 

sensing mechanisms are based on strong interactions between the sensor and the analyte 

molecules and sometimes they are not (totally) reversible. Therefore, starting from a high 

analyte concentration and continuing to a lower will not provide clear information of the 

sensor response to low concentrations as a desorption procedure of dubious effectiveness 

has to be followed after each concentration step. Generally, the pH sensing of EGFETs is 

based in the accumulation of excess number of electrons or holes due to an increase in the 

hydronium anions (H3O
+) or hydroxide ions (OH-) concentrations, correspondingly, near 

graphene upon formation of the electric double layers (EDL)[1]. This can be tracked by the 

shift of the VDirac. Clearly, this interaction is not permanent as it does not employ any 

physisorption or chemical bonds.  
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As Figure 8.1 shows, the demonstrated response of our graphene EGFETs to the 

VWR pH buffers is not monotonous. VDirac decreases from pH 4 to pH 6 but increases from pH 

6 to pH 8 reaching almost the pH 4 levels. The final measurement under pH 6 reaches the 

level of the initial pH 6 measurement (with decreased standard deviation between the 

devices) confirming repeatable behaviour of the devices.  

 

Figure 8.1: The VDirac response of the graphene EGFETs as a function of pH (VWR buffers). 

Bars represent standard deviations of 3 devices for each case. 

 

All other reported graphene EGFETs have demonstrated monotonous response to 

pH: increased VDirac for increased pH. For this reason, a more thorough investigation 

regarding the pH sensing of our graphene EGFETs was mandated. The preparation of a 

custom-made buffer with controlled (thus known) characteristics other than the pH (e.g. 

concentration and type of salts) was essential for the investigation of the sensor response as 

VWR does not provide the exact synthesis/characteristics of their buffers. The potassium 

buffer described in Chapter 5 was prepared and as already stated, the preparation 

procedure of this buffer ensured minimal change in the ionic strength between the various 

pH derivatives. This is important to ensure, as much as possible, that the response of the 

sensor is attributed to pH, rather than the already demonstrated effect (Chapter 7) of the 

buffer concentration (i.e. ionic strength).  

Figure 8.2 (a) shows the response of five graphene EGFETs to multiple pH samples of 

the custom-made buffer (0.085 M < ionic strength < 0.1 M), ranging from pH 4.8 to pH 7.9 

which is the normal pH range of human urine [7]. Here, a mixed sequence of pH 

measurement was again followed. First measurement is pH 5.6, followed by pH 7.1, pH 4.8, 

pH 7.9 and finally pH 6.3. The red dots represent the final iterative measurements for the 

two extreme pH values which show robust pH sensing. It is clear that the VDirac decreases by 

increasing the pH.  

Figure 8.2 (b) shows the respective pH response of another set of five graphene 

EGFETs. Here, the custom-made buffer was prepared by diluting ten times each ingredient 
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concentration (0.01 M) compared to the buffer used shown in Figure 8.2 (a). For clarity 

reasons, the buffer in Figure 8.2 (a) is named 1X and the buffer in Figure 8.2 (b) is named 

0.1X. The response here is opposite to the higher concentration buffer in Figure 8.2 (a): 

increased VDirac for increased pH.  

Finally, the VDirac dependency on the pH was investigated in an intermediate 

concentration buffer (0.05 M concentration for each ingredient) in Figure 8.2 (b). Here, a 

mixed response with an upward and a downward branch is observed, resembling the VWR 

buffers response. The pH responses for all the three custom-made buffers are summarized 

in Figure 8.2 (d) where the respective VDirac shifts for the entire tested pH range are also 

shown and expressed in mV/pH. More specifically, a shift of -59 mV/pH was observed under 

the 1X buffer, +145 mV/pH under the 0.1X buffer and a mixed shift of negative -200 mV/pH 

(pH 4.8 – pH 6.3) and positive +56 mV/pH (pH 6.3 – pH 7.9) under the 0.5X buffer.   

  

Figure 8.2: The VDirac response of graphene EGFETs as a function of pH operated (a) with 

the 1X buffer, (b) with the 0.1X buffer and (c) with the 0.5X buffer. (d) Summary of (a)-(c); the 

VDirac collected from graphene EGFETs gated with the buffer series (1X, 0.5X, 0.1X). Bars 

represent standard deviations of 5 devices for each case. 
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  Considering the above findings, it can be concluded that the exclusive attribution of 

the VDirac shift to pH-dependence should be exercised with caution as the influence of other 

ions present in the solution play a significant role, especially in concentrated solutions. The 

presented custom-buffer experiments revealed a more complicated mechanism than just 

interaction with H3O
+ and OH- ions as by increasing the concentration of the ions in the 

buffer, the pH response changed from upward to downward. The expected upward trend of 

the VDirac versus pH curve is found in the diluted buffer where an inverse behaviour is seen in 

the concentrated. Interestingly, both trends coexist in the moderately diluted buffer, 

indicating competitive mechanisms attributed to both the reported models of H3O
+, OH- and 

the effect of ionic strength.   

In other words, buffers with high ionic strength (in our case this should be around 

0.1 M) screen effectively the charged impurities that reside between the graphene and the 

substrate (responsible for the intrinsic p-type behaviour), as explained in Chapter 7, resulting 

in the left shift of the Dirac point. Thus, the observed negative VDirac shift under the 

concentrated buffer (1X) can be attributed to the ionic strength increase of the buffer at 

increased pH. The effect of ionic charge screening is reasonably suppressed under diluted 

buffer (0.1X) and as a consequence, the true pH-dependent response, governed by H3O
+ or 

OH−, is revealed. Under the moderately diluted buffer (0.5X), no decisively dominant 

mechanism is present resulting in mixed response. The unexpected large shift (-200 mV/pH) 

between pH 4.8 and pH 6.3 may indicate a third mechanism which is incited by the balanced 

aforementioned mechanisms. This could be interactions of protons and/or hydroxyls in the 

electrolyte with defects on the graphene generating spurious pH response[5]. The 

assumption of having defects on the drop-casted on PCB graphene is highly possible, as 

graphene in solution cannot be expected to be as pristine as e.g. CVD graphene. Similarly, 

the very strong response of 145 mV/pH (greater than the theoretical limit of 59.2 mV/pH[8]) 

under the 0.1X buffer may be partially attributed to the adsorption of ions on the graphene 

surface [3]. Finally, explanation of the behaviour under the commercial VWR buffer cannot 

be given without having the buffer synthesis. Considering this, it was reported that even the 

type of ions in the buffer (e.g. K+, Cl-, Na+) affect the charge impurities screening as their 

properties (the ion size, degree of hydration, and affinity toward the graphene surface) 

differ[1].   

These results provide an analytical description of the complex nature of the pH 

sensing by graphene EGFETs with the aim to offer appropriate guidelines for practical 

applications in real samples of bio/chemical graphene sensors. For example, human urine is 

used as a medium to detect various diseases and can be even used for ctDNA detection as 

reported in the Introduction chapter. Human urine greatly varies in both the pH and ionic 

strength values, therefore a DNA, graphene EGFET sensor that operates in urine medium 

cannot be used without being suitably calibrated. Similar experiments with synthetic human 

urine were performed but the lack of buffering capacity of the employed urine samples did 

not enable the extraction of any useful conclusion. Figure 8.3 shows the response of a set of 

five graphene EGFETs to stock samples of artificial urine of varied pH and another set of five 

devices to diluted stock samples by 10 times. It is clear that there is almost minimal response 

across the pH range for both urine samples with the exception of the highest tested pH 

value where a negative shift of the VDirac is observed. However, it has to be highlighted again 
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that there is little significance in this measurement as the pH values of the urine samples 

were not stable as all of them tended to shrink towards the pH 6.7 – pH 7.2 range after their 

exposure to the environment. Thus, urine samples with stabilizing agents should be used for 

an accurate characterization of the device in varying acidity environments. 

 

Figure 8.3: The VDirac response of the graphene EGFETs as a function of pH in stock and 10 

times diluted artificial human urine samples. Bars represent standard deviations of 5 devices 

for each case. 

 

8.2 DNA Detection 

 
 Having verified the field-effect operation of the graphene devices and concluded on 

the operation parameters, the biosensing capabilities towards DNA detection were studied.  

Firstly, the transfer curves repeatability in the electrolyte solution (0.1X PBS) was 

assessed. This is crucial information for the biosensing assessment: any observable VDirac 

shifts during the DNA detection measurements have to originate from the interaction with 

the target DNA molecules and not by any environmental influence like the electrolyte 

immersion. In other words, the noise level was considered. A set of eight devices underwent 

the functionalization steps that were described in Chapter 5 prior to the target DNA 

incubation. The noise level of the system can be calculated by taking the difference of the 

VDirac values between the final functionalization step with ethanolamine and the blank step 

that followed (i.e. incubation with just the electrolyte instead of DNA). Using this approach, 

a positive VDirac shift of approximately 7.5 mV was attributed to the noise.   

There are two main strategies in terms of the graphene or graphene related 

materials functionalization for DNA detection with EGFETs. They differentiate in terms of the 

nucleic acid probe immobilization on the graphene surface. There are a number of groups 

that have reported DNA detection by simply immobilizing the respected probes on the 

graphene surface without the use of a linker molecule between the graphene and the probe 



149 
 

molecule, essentially based on physisorption [9],[10],[11],[12]. Oppositely, 1-pyrenebutanoic 

acid succinimidyl ester (PASE) is the molecule that is usually chosen for the linker molecule 

strategies [13],[14][15] and the chemistry regarding its binding to the graphene surface and 

PNA was explained in Chapter 5. 

Taking into consideration the above findings, initially a short experiment with no 

linker molecule was performed, thus a simpler assay than the previously described in 

Chapter 5 was followed. More specifically, probe PNA solution (10 μM in 0.1X PBS) was 

drop-casted and was incubated for 16 h to achieve the saturation adsorption on graphene, 

then followed by a rinsing process with the measurement buffer to remove weakly bound 

molecules. Incubation time for target DNA was 4 h. Figure 8.4 shows the VDirac shift from the 

blank control test for target DNA concentrations. It is obvious that the there is a right shift 

for the lowest tested DNA concentration (1 nM) and this is increasing up to 100 nM 

concentration. However, the VDirac is decreased i.e. left shifted for 1000 nM DNA compared 

to the 100 nM concentration. It has almost reached its previous value for the 1 nM DNA. This 

is the only device among four tested devices that exhibited any response to target DNA with 

physisorbed probes. Nonetheless, it cannot be considered as a robust behaviour due to its 

response to the final and more heavily concentrated target DNA measurement. Moreover, 

both the right shift of the VDirac for the first three concentrations and the opposing shift for 

the higher concentration can further explain the unsuitability of this physisorption strategy, 

as they indicate the underlying mechanism that describes the DNA-graphene interaction. 

Normally, when physisorbed probes are used, the VDirac  shifts to the left because the target 

DNA (probes are not charged in our case as they are PNA) impose n-doping to graphene[16]. 

However, the VDirac shift can become random (positive or negative) if self-assembled hairpin 

structures are formed by the PNA probes. This leads to partial hybridization with the 

complementary target DNA sequences and the VDirac will randomly shift depending on the 

morphology of the physisorbed probes [16].       
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Figure 8.4: VDirac shifts for complementary target DNA concentrations on physisorbed PNA 

probes. 

 

After verifying that the psysisorption strategy did not result in the desired outcome, 

the linker strategy was investigated. Figure 8.5 shows the transfer curves of the graphene 

EGFET with the linker protocol applied. The VDirac shifts to the right after introducing the 

PASE linker molecule. This is explained by its p-doping effect to graphene through the charge 

transfer from the pyrene group [14],[13],[15]. The next step is the probe PNA immobilization 

and a weak left shift of the VDirac is observed. Normally, no shift is expected [13],[17] as PNA 

is not charged like DNA to donate electrons, although a similar negligible shift has been 

reported [18]. The last functionalization step is the ethanolamine passivation step of 

unreacted sites where a left shift is observed, as it has been reported [13]. All these 

observations lead to the conclusion that the crucial immobilization of the PNA probes is 

successful. It is worth to note that in our case, no 1-Dodecanethiol (DDT) passivation of our 

silver electrodes was necessary. This passivation step is reported in the literature [13],[15] 

for Au electrodes to prevent absorption of DNA sequences on them that could lead to 

measurement artifacts but it is redundant for our devices, simplifying the assay. 

 

Figure 8.5: Characteristic transfer curves after each stage of the EGFET channel 

functionalization. 

 

Figure 8.6 (a) shows the transfer characteristics of the PNA functionalized device 

and successive target DNA concentrations ranging from 100 pM to 1 μM. Systematic positive 

shifts of the curves with increasing complementary DNA concentration are observed along 

with a decrease of the minimum Ids value. The VDirac shift of the calculated mean values of 

five different devices (device-to-device standard deviation is represented by error bars) for 
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complementary and non-complementary target DNA concentrations is summarized in Figure 

8.6 (b). The complementary target sensitivity curve is clearly distinguished from the non-

complementary one even though the error bars of the former are not negligible. The flat 

sensitivity curve of the non-complementary DNA sequence verifies that our graphene 

EGFETs response specifically to the binding of the complementary target DNA. The limit of 

detection (LoD) is 1 nM and was achieved by considering the 3 x noise level. Significantly, a 

lower LoD of 100 fM has been reported for drop-casted graphene related material on SiO2/Si 

chips using standard semiconductor technology[19]. The LoD of our devices is expected to 

be relatively high as they are not biochemically optimized or integrated with microfluidic 

operation[20],[21],[22]; yet the ssDNA detection at this concentration range is successful 

with higher sensitivity (30.1 mV/decade) than EGFETs with CVD graphene on glass, 

decorated with Au nanoparticles (~ 16.3 mV/decade) [12]. Table 8.1 summarizes the 

characteristics of previously reported EGGFETs. PCB substrate is exploited only in this work. 

In addition, it is obvious that CVD is the most usually adopted technique for graphene 

deposition of such devices. Even though, CVD creates single layer graphene films which 

demonstrate maximum surface to volume ratio, it is an expensive process and clean-room 

integrated, therefore not suitable for low-cost devices. 

Table 8.1. Literature survey of graphene-based electrolyte-gated 

FET DNA biosensor characteristics.  

Reference Substrate Graphene 
Reference 

electrode 
LoD 

Sensitivity  

(mV/decade) 

Dong et 

al.[12]  Glass 

CVD 

grown, Au 

NP 

decorated 

External >10 pM ~16.3 

Manoharan et 

al.[9]  
SiO2/Si 

Mechanica

l 

exfoliation 

Integrated/

Planar 
>10 nM - 

Cai et al.[19]  SiO2/Si 
Drop-

casted rGO 
External 100 fM ~30.4 

Yin et al.[23]  SiO2/Si 

Langmuir–

Blodgett 

method, 

rGO, Pt 

functionali

zed 

External 2.4 nM - 

Chen et 

al.[11]  
SiO2/Si 

CVD 

grown 
External 1 pM ~14.5 

Xu et al.[24]  SiO2/Si 
CVD 

grown 
External 100 fM - 

Campos et 

al.[13]  
SiO2/Si 

CVD 

grown 

Integrated/

Planar 
~25 aM 24 

Xu et al.[14] Sapphire 
CVD 

grown 
External 100 fM 29 

Xu et al.[21] SiO2/Si 
CVD 

grown 
External 10 pM - 

This work PCB 
Drop-

casted ink 

Integrated

/Planar 
1 nM 30.1 
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The potential for implementation of multiple, parallel sensor DNA microarrays was 

further explored and highlighted in Figure 8.6 (c); such an implementation could further 

enhance the sensitivity and LoD of an EGFET-enabled Lab-on-PCB platform, by incorporating 

appropriate statistical analysis algorithms. Even though device-to-device variability is 

demonstrated in Figure 8.6 (b),  Figure 8.6 (c) highlights that by measuring a group of 

sensors on the sensor array, we can eliminate the device variability and obtain a signal which 

is statistically significant even for the lowest tested complementary DNA concentration (100 

pM). Τhe signals of four EGFETs (black columns) incubated with the complementary DNA 

concentration are compared to the respective non-complementary DNA induced signals of 

another four devices (red columns) and they can indeed be clearly distinguished in batches. 

The signal response manifestation of a sensor array may achieve improved detection against 

the usual approach of relying on the construction of a single, robust and ultra-sensitive 

device[25],[24] and is highly compatible with our planar device layout and the inherent 

upscaling potential with the electronics-integration of the PCB technology. 

 

Figure 8.6: (a) Transfer curves for blank (0.1x PBS) and various complementary target DNA 

concentrations, (b) mean values of VDirac shifts for various complementary and non-

complementary target DNA concentrations (bars represent standard deviations of 5 devices 

for each case), (c) high array yield of 8 graphene FETs; ΔVDirac data for 100 pM hybridization 

and control.   . 



153 
 

 

The detection mechanism is attributed to the local gating induced by the negatively 

charged, hybridized ssDNA [13],[16],[21],[14]. The electrostatic field of the target DNA dopes 

graphene with holes and the VDirac is shifted to more positive Vgs. Positive shifts of the VDirac 

upon ssDNA hybridization has been also reported by other works with the same linker 

molecule (PASE) [21],[13],[14] apart from Cai et al. [19] who reported a left shift for their 

reduced graphene oxide (rGO) FETs. It can be speculated that the interaction between rGO 

and PASE depends on the size or oxygen content of the rGO sheets, which in turn affects the 

morphology of the probe PNA anchored on the channel surface. The spacer bases (TTT) of 

our PNA sequence also contribute to the PNA-DNA hybridization robustness by giving more 

flexibility to the bottom bases to interact with the complementary DNA. In addition, 

considering that the Debye length in Cai et al. [19] was reduced compared to this work due 

to the more heavily concentrated measuring electrolyte (1X PBS), the reported left shift can 

be attributed to direct electron transfer from the electron-rich, aromatic nucleotide to rGO 

as a result of not properly tethered PNA-DNA hybridized strands and increased screening of 

the negatively charged ssDNA [12],[16],[26]. 

   In addition to the VDirac shift, the minimum Ids also decreased with increasing target 

DNA concentration (Figure 8.6 (a)). It is worth noting that the minimum current did not 

exhibit a repeatable decreasing trend among the tested devices and the lack of suitability of 

this parameter for DNA hybridization detection has also been supported by previous reports 

[12] as it is significantly affected by non-specific binding of charged molecules or ions. 

Finally, the severely asymmetric transfer curves for the n-type and p-type branches with the 

flattened n-type branch that Figure 8.6 (a) depicts can be explained by the Schottky barrier 

mechanism [27]. More specifically, a few PNA probes or ssDNA sequences could be 

adsorbed on the metal contact and alter the contact-to-channel workfunctions difference 

leading to asymmetric conductance at the two branches [27]. 

This work proposes for the first time that Lab-on-PCB platforms could fully exploit 

their inherent electronics-compatibility to further improve sensor limit of detection, 

sensitivity and repeatability, via printing active electronic devices and implementing signal-

post-processing algorithms on-chip in parallelized EGGFET arrays. Seamless integration with 

sample preparation, Lab-on-PCB components (e.g. μPCR-on-PCB device for rapid DNA 

amplification) provides a realistic route for detecting minimal DNA concentrations in 

commercially manufactured Lab-on-Chip devices. Aligned with these approaches, the next 

chapter aims to provide the basis for microfluidic integration of the presented EGFETs and a 

prototype for a μPCR-on-PCB device. 

  

References 
 

[1] M. H. Lee et al., “Apparent pH sensitivity of solution-gated graphene transistors,” 
Nanoscale, vol. 7, pp. 7540–7544, 2015. 

[2] I. Heller, S. Chatoor, J. Manik, M. A. G. Zevenbergen, C. Dekker, and S. G. Lemay, 



154 
 

“Influence of Electrolyte Composition on Liquid-Gated Carbon Nanotube and 
Graphene Transistors,” J. AM. CHEM. SOC, vol. 132, pp. 17149–17156, 2010. 

[3] P. K. Ang, W. Chen, A. Thye, S. Wee, and K. P. Loh, “Solution-Gated Epitaxial 
Graphene as pH Sensor,” J. AM. CHEM. SOC., vol. 130, no. October, pp. 14392–14393, 
2008. 

[4] Y. Ohno, K. Maehashi, Y. Yamashiro, and K. Matsumoto, “Electrolyte-Gated Graphene 
Field-Effect Transistors for Detecting pH and Protein Adsorption,” Nano Lett., vol. 9, 
no. 9, pp. 3318–3322, 2009. 

[5] W. Fu et al., “Graphene Transistors Are Insensitive to pH Changes in Solution,” Nano 
Lett., vol. 11, pp. 3597–3600, 2011. 

[6] B. Mailly-giacchetti et al., “pH sensing properties of graphene solution-gated field-
effect transistors,” J. Appl. Phys., vol. 114, no. 084505, 2013. 

[7] B. MJ and R. WC, “Urinary Tract Infection,” In: StatPearls [Internet]Treasure Island 
(FL): StatPearls Publishing. [Online]. Available: 
https://www.ncbi.nlm.nih.gov/books/NBK470195/. [Accessed: 04-Jan-2021]. 

[8] W. Siu and R. S. C. Cobbold, “Basic Properties of the Electrolyte-SiO2-Si System: 
Physical and Theoretical Aspects,” IEEE Trans. Electron Devices, vol. 26, no. 11, pp. 
1805–1815, 1979. 

[9] A. K. Manoharan, S. Chinnathambi, R. Jayavel, and N. Hanagata, “Simplified detection 
of the hybridized DNA using a graphene field effect transistor,” Sci. Technol. Adv. 
Mater., vol. 18, no. 1, pp. 43–50, 2017. 

[10] D. Le, A. Kara, and E. Schr, “Physisorption of nucleobases on graphene : a 
comparative van der Waals study,” J. Phys. Condens. Matter, vol. 24, 2012. 

[11] T. Y. Chen et al., “Label-free detection of DNA hybridization using transistors based 
on CVD grown graphene,” Biosens. Bioelectron., vol. 41, no. 1, pp. 103–109, 2013. 

[12] X. Dong, Y. Shi, W. Huang, P. Chen, and L. J. Li, “Electrical detection of DNA 
hybridization with single-base specificity using transistors based on CVD-grown 
graphene sheets,” Adv. Mater., vol. 22, no. 14, pp. 1649–1653, 2010. 

[13] R. Campos, J. R. Guerreiro, G. Machado, R. Campos, D. Y. Petrovykh, and P. Alpuim, 
“Attomolar Label-Free Detection of DNA Hybridization with Electrolyte-Gated 
Graphene Field-Effect Transistors,” ACS Sensors, vol. 4, pp. 286–293, 2019. 

[14] S. Xu et al., “Ultrasensitive label-free detection of DNA hybridization by sapphire-
based graphene field-effect transistor biosensor,” Appl. Surf. Sci., vol. 427, pp. 1114–
1119, 2018. 

[15] A. Purwidyantri et al., “Influence of the Electrolyte Salt Concentration on DNA 
Detection with Graphene Transistors,” Biosensors, vol. 11, no. 1, 2021. 

[16] C. Lin, P. Thi, K. Loan, T. Chen, K. Liu, and C. Chen, “Label-Free Electrical Detection of 
DNA Hybridization on Graphene using Hall Effect Measurements : Revisiting the 
Sensing Mechanism,” Adv. Funct. Mater., vol. 23, pp. 2301–2307, 2013. 

[17] M. Tian et al., “Applied Surface Science Highly-sensitive graphene fi eld e ff ect 



155 
 

transistor biosensor using PNA and DNA probes for RNA detection,” Appl. Surf. Sci., 
vol. 527, no. May, 2020. 

[18] B. Cai, L. Huang, H. Zhang, Z. Sun, and Z. Zhang, “Biosensors and Bioelectronics Gold 
nanoparticles-decorated graphene fi eld-effect transistor bio- sensor for femtomolar 
MicroRNA detection,” Biosens. Bioelectron., vol. 74, pp. 329–334, 2015. 

[19] B. Cai, S. Wang, L. Huang, Y. Ning, Z. Zhang, and G. Zhang, “Ultrasensitive Label-Free 
Detection of PNA_DNA Hybridization by Reduced Graphene Oxide Field-Effect 
Transistor Biosensor,” ACS Nano, vol. 8, no. 3, pp. 2632–2638, 2014. 

[20] G. Dutta, J. Rainbow, U. Zupancic, S. Papamatthaiou, P. Estrela, and D. Moschou, 
“Microfluidic Devices for Label-Free DNA Detection,” Chemosensors, vol. 6, no. 4, p. 
43, 2018. 

[21] S. Xu et al., “Real-time reliable determination of binding kinetics of DNA hybridization 
using a multi-channel graphene biosensor,” Nat. Commun., vol. 8, pp. 1–10, 2017. 

[22] K. D. Dorfman, D. Z. Adrahtas, M. S. Thomas, and C. D. Frisbie, “Microfluidic 
opportunities in printed electrolyte-gated transistor biosensors,” Biomicrofluidics, 
vol. 14, 2020. 

[23] Z. Yin et al., “Real-time DNA detection using Pt nanoparticle-decorated reduced 
graphene oxide field-effect transistors,” Nanoscale, vol. 4, no. 1, pp. 293–297, 2012. 

[24] G. Xu et al., “Electrophoretic and field-effect graphene for all-electrical DNA array 
technology,” Nat. Commun., vol. 5, pp. 1–9, 2014. 

[25] A. Lipatov, A. Varezhnikov, P. Wilson, V. Sysoev, A. Kolmakov, and A. Sinitskii, “Highly 
selective gas sensor arrays based on a thermally reduced graphene oxide,” 
Nanoscale, vol. 5, pp. 5426–5434, 2013. 

[26] F. Yan, M. Zhang, and J. Li, “Solution-Gated Graphene Transistors for Chemical and 
Biological Sensors,” Adv. Healthc. Mater., vol. 3, no. 3, pp. 313–331, 2013. 

[27] P. Kang, M. C. Wang, and S. Nam, “Bioelectronics with Two-dimensional Materials,” 
Microelectron. Eng., vol. 161, no. 1, pp. 18–35, 2016. 

 

 

 
 

 

 

 

 



156 
 

 

 

 

 

 

Chapter 9: Towards a High-Sensitivity, Integrated, Genetic 

Analysis, Lab-on-PCB Platform 

 
This chapter aims to confirm the microfluidic operation of the relevant EGFET 

boards, promising improved performance and decreased reaction times. Finally, this chapter 

shows the low energy consumption characteristics of the continuous-flow, PCB chips 

designed for rapid DNA amplification benefiting from the efficient integration of 

microheaters and microfluidics. This renders them suitable for portable operation and 

demonstrates the efficacy of the approach for PoC applications. 

9.1 Integrated Microfluidic, Graphene Electrolyte-Gated Field-Effect 

Transistors 
 

Apart from the already described advantages in Chapter 2 of the microfluidics (e.g. 

reduced reaction times, decrease in the reagents volume), they offer the capability of 

performing real-time measurements. In turn, real-time measurements offer improved 

information about the sensor behaviour compared to acquiring individual transfer curves 

since possible instabilities in the reproducibility of individual transfer curves is avoided. Real-

time measurements also offer direct information about the response time of the sensor. The 

binding kinetics constants of DNA hybridization can be obtained by monitoring the real-time 

dependence of ΔVDirac during DNA hybridization on the sensor surface, thereby allowing 

determination of association/dissociation rate constants and equilibrium association 

constants for PNA–DNA hybridization [1].  

The aim of this chapter is to present the successful microfluidic operation of the 

presented graphene EGFETs. During this thesis, DNA detection by the microfluidic EGFETs 

was not attempted due to time constraint. Further work on securing reliable operation of 

the microfluidic setup to handle effectively few tens of microliter volumes is necessary to 

proceed to DNA detection.  

On this note, Figure 9.1 (a) shows a transfer curve of graphene EGFET acquired 

under continuous flow of 20 μL/min. It is a proper, amphipolic graphene transfer curve, 

similar to the, previously shown, ones obtained in static condition. Figure 9.1 (b) illustrates 

the response of the sensor to PBS buffers of different concentrations. Vgs and Vds were 

biased at 0.3 V and 0.1 V respectively while the channel current was continuously 
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monitored. First, the 0.5X PBS buffer was flowed and stable current readings were achieved. 

This was followed by 0.1X PBS buffer flow where the channel current quickly increased, 

achieving rapidly a plateau. Finally, the more concentrated buffer of 1X PBS was flowed and 

the current decreased reaching lower values than the initial flow under 0.5X PBS. This 

response is well complying with the results obtained at static condition in Chapter 7; VDirac 

shifts to the left by increasing the concentration of PBS. Similarly here, the channel current 

decreases by increased PBS concentration indicating left shift of the transfer curve, as the 

device is biased at a Vgs value lower than the VDirac point. Finally, Figure 9.1 (c) shows the 

channel current evolution over time for alternating pH values of the potassium buffer (0.05 

M, described in Chapter 8) between pH 6.3 and pH 7.1. Here the device is biased at Vgs= 0.62 

V. Clear response is revealed upon pH 7.1 solution flow by decreased current signal while 

robust pH sensing behaviour is confirmed upon the second exposure to pH 6.3 solution flow 

as the channel current recovers its initial level. The current decrease for increased pH at this 

pH range and Vgs>VDirac is expected for this buffer as the VDirac shifts to the right. 

The above sensor responses to varied PBS concentrations and buffer pH values 

confirm the correct microfluidic operation of the device. This is first reported microfluidic 

operation of EGFET on PCB substrate.    

 

 

Figure 9.1 (a): Transfer curve (Vds = 0.1 V, 0.1X PBS) of the microfluidic graphene electrolyte-

gated transistor. (b) Real-time response of the microfluidic graphene electrolyte-gated 
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transistor to varied PBS buffer concentrations biased at Vgs = 0.3 V, Vds = 0.1 V and (c) 

alternating pH values of potassium buffer (0.05 M) biased at Vgs = 0.62 V, Vds = 0.1 V.  

 

 9.2 PCB Device for DNA Amplification 
 

The ultimate goal of Lab-on-PCB genetic analysis microsystems is the seamless 

integration of DNA amplification with sensitive detection. The nucleic acid amplification is a 

key process in DNA detection elevating the assay sensitivity by allowing the detection of a 

very limited number of target molecules [2]. This is especially accurate in the detection of 

circulating tumor DNA where the nucleic acid concentration is extremely low, particularly in 

early-stage disease [3]. The amplification generates a large number of copies of the target 

sequence [4]. The most widely adopted process for DNA amplification is the polymerase 

chain reaction (PCR) amplification method, which requires repeated cycles of three or two 

temperature-dependent steps [2]. On the contrary, thermal cycling is not applied in the low 

temperature isothermal amplification methods. As a result, the isothermal amplification 

devices are simplified, thus are considered as promising candidates for sensitive, 

miniaturized, state-of-the-art LoC devices utilizing “amplification to detection” [2].  

A microfluidic, PCB-based device for isothermal DNA amplification (specifically, loop-

mediated amplification (LAMP)) was designed in Altium Designer® (described in Chapter 5) 

aiming for high performance genetic analysis on-chip, at the point-of-care in the order of 

minutes. The device presented herein is based on a previously developed device [5]. The 

scope of this work in this thesis was to design and study the microfluidic board with respect 

to the energy consumption characteristics of the integrated, copper micro-heater to ensure 

the suitability for miniaturized isothermal DNA amplification. The heating of the device was 

based on the Joule heating. A voltage source biased the micro-heater and the channel 

temperature was measured by a thermal camera (Bosch GTC 400). 

 Figure 9.2 (a) depicts the micro-heater temperature versus the corresponding 

power consumption curve for the fluidic device and it is compared to the respective curve of 

another micro-heater device that houses an OhmegaPly® foil resistor[6] (Figure 9.2 (b)). The 

OhmegaPly® foil resistor is a NiP metal alloy/copper foil combination and was supplied by 

Graphic PLC as a comparative design. It is a field-proven material in the industry due to its 

long-term reliability among other advantages. It is shown that the power consumption curve 

of our device is superior to the OhmegaPly® foil material. More specifically, the 60-95 oC 

range requires less than 2 W for our device whereas the OhmegaPly® foil device requires 7-

10 W. Additionally, the maximum temperature achieved by the OhmegaPly® foil heater was 

limited to 82 oC, as at that point the voltage source reached its maximum output value (36 

V). Figure 9.2 (c) shows a thermal image of our microfluidic board confirming uniform 

heating across its area.  

The embedded copper heater of our device affected favourably the performance of 

our device whereas the exposed to the environment OhmegaPly® foil compromised the 

thermal diffusivity. By all means, this was not a direct comparison between the two devices 
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or materials due to the numerous design differences between them, however, this short 

study proved the suitability of the embedded copper layer for portable, low energy-

consumption micro-heating applications. Interestingly, a typical, commercial 9V type Li-ion 

battery with 1200 mAh can provide over 5 h of continuous operation at 95 oC. Previously 

reported similar devices were fabricated either in-house [7] or partially in-house with an 

industrially manufactured electronic-thermal chip but with home-made microfluidic layer 

[8]. Crucially, this chip is the first microfluidic platform designed for DNA amplification, 

suitable for portable operation that is manufactured by a PCB manufacturer applying up-

scalable technology.   

    

Figure 9.2: (a) Micro-heater temperature as a function of the supplied power for the 

microfluidic PCB device with the embedded Cu layer and the OhmegaPly® foil platform. 

Respective applied voltage values (V1, V2) are also shown to achieve the required 

temperatures (T1, T2). (b) Picture of the OhmegaPly® foil resistor, micro-heating platform. (c) 

Thermal image of the microfluidic PCB device with the embedded Cu layer. The offset 

between the thermal trace and the actual location of the board is a camera feature. 
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Chapter 10: Conclusions & Future Prospects 
 

10.1 Conclusions 
 

Lab-on-PCB technology promises to render electronics-enabled biosensing 

microsystems an integral part of the daily life in the near future. It has been shown that the 

Lab-on-PCB can successfully accommodate most diagnostic related application, enabling 

high accuracy analyte quantification at the point of need, and most importantly with 

personalized design and upscalable mass production. The three key features of this 

technology are the long-standing industrial infrastructure, the adequate micro-fabrication 

capabilities and the intuitive electronics integration.  

To this end, the implementation of PCBs as hosting platform for printed electrolyte-

gated FETs (EGFETs) was investigated for the first time. First, the inkjet-printing of 

commercial silver ink on PCB was examined. The crucial novelty on this was the 

implementation of a commercial, large format printer, contrary to the specialized material 

printers used by the vast majority of the published reports. The thermal sintering procedure 

was developed and the printed material properties were studied. The reliable inkjet-printing 

of silver ink enabled the investigation of inkjet-printed, Ag/AgCl reference electrodes. These 

electrodes exhibited stable performance (the most stable inkjet-printed reference 

electrodes currently available) under continuous buffer flow for 24 h of multiple pH values. 

Moreover, the voltage bias-stress effect on the electrodes stability was assessed, an 

important parameter for their future implementation as reference electrodes in EGFET 

devices. 

Even though graphene inkjet-printing with the commercial, large format printer was 

successful in this thesis and the creation of the first reported inkjet-printed, graphene EGFET 

on PCB substrate was demonstrated, the evaluation of the inkjet-printing capability of our 

large-format printer with several available graphene inks led to the conclusion that further 

study has to be performed with the aim to improve the reliability of the printing process. 

This could be attempted by experimenting with graphene inks that replicate as much as 

possible the characteristics of the ultra-reliable Mitsubishi silver ink. For instance, it would 

be worthy to experiment with graphene inks having slightly increased viscosity to 4 cP (or 

more) which is the viscosity of the silver ink. This is supported by the fact that only the 

graphene inks with viscosity of 3-4 cP were printable contrary to the 1 cP inks that could not 

be printed at all. Moreover, even the graphene inks that were printable clogged the 

printhead after ~100 and 8 printing passes for the low and high concentration ink, 

respectively. Therefore, it would be interesting to evaluate the effect on the printing 

reliability of various concentrations of ≥4 cP graphene inks.  

In parallel and to expedite the development of the FET devices, drop-casted 

graphene was explored as the active material on the EGFET boards. After an initial study of 

parameters that dictate the electrical behaviour of the graphene FETs, the characteristic 

amphipolic transfer curves were obtained and the field-effect presence was verified. 



162 
 

Interestingly, similar electrical behaviour with the most usually reported graphene EGFET 

configuration in the literature (CVD grown graphene, transferred to SiO2/Si substrate) was 

found, indicating the underlying working mechanisms. The employment of other than 

graphene materials for the FET channel creation was also executed as MoS2 and PEDOT:PSS 

EGFETs were successfully demonstrated along with the required post-deposition sintering 

and substrate treatment procedures.  

Owing to the straight-forward fabrication of the graphene EGFETs which contrary to 

the other tested materials did not require any material sintering or substrate treatment 

procedure, its biosensing capabilities towards DNA quantification were assessed. More 

specifically, circulating tumor DNA (ctDNA) was employed as the analyte due to its highly 

critical role as a biomarker of early cancer diagnosis. PNA was used as probe molecule for 

the specific hybridization of ctDNA exploiting the improved hybridization characteristics 

compared to DNA probes. Two different functionalization protocols of the graphene surface 

were studied and compared, highlighting the importance of the linker molecule for the 

robust immobilization of the PNA probe onto the graphene surface. Specific ctDNA detection 

against non-complementary sequence was verified and an accurate insight of the ctDNA 

interaction with the sensor was discussed. Understanding the DNA interaction with 

graphene is crucial for constructing a sensitive sensor. 

Following the clear ctDNA detection, the influence of buffer solutions with varied 

concentrations and pH values to the graphene EGFETs was examined. It was shown that the 

exclusive attribution of the VDirac shift to pH-dependence should be exercised with caution as 

the influence of other ions present in the solution play a significant role, especially in 

concentrated solutions. The comprehensive understanding of the influence of these 

parameters to the graphene EGFET behaviour is of outmost importance when implementing 

real sample solutions as their properties cannot be controlled. This was demonstrated by 

replacing the homemade buffers with artificial human urine and showing the unpredictable 

character of real samples.      

The seamless microfluidic integration of the presented EGFETs was also 

demonstrated. Double layer, microfluidic boards were designed taking into consideration 

the electrical measurement interface. The microfluidic channel was created at the bottom 

layer with PCB-compatible practice while the electrical and microfluidic interface was 

housed on the top layer. The graphene EGFET operation under continuous flow was proved 

by showing that the device behaves in a similar way compared to its static version to varied 

electrolyte concentration and pH values, paving the way for real-time analyte sensing by 

integrated microfluidic EGFETs in self-sufficient diagnostic platforms, essentially actualizing 

the Lab-on-PCB concept. Apart from the advantages in the time-to-result that microfluidic 

integrations offers along with the capability for real-time measurements, the microfluidic 

EGFET on PCB could be evolved to equivalent devices in flexible PCBs for wearable medical 

diagnostic applications. Microfluidic integration is necessary for most real-life applications. 
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10.2 Future Prospects 
 

Regarding the future prospects of the presented graphene EGFETs, an optimization 

of the graphene functionalization protocol could aid towards the direction of more 

repeatable ΔVDirac shifts among individual devices and more sensitive response. This would 

be particularly efficient if adapted to the microfluidic operation. Polyethylene glycol (PEG)-

functionalized graphene would also be worthy to study as it has been shown that PEG 

improves the DNA hybridization rate and acts as an efficient blocking agent for non-specific 

binding. Moreover, the evaluation of the channel area effect to the sensor stability would be 

an interesting study as decreased channel area might be less affected by non-specific 

binding events and generally environmental influences. It is unquestionable that an 

investigation of the DNA detection performance of inkjet-printed graphene, in contrast to 

the drop-casted of this project, would be interesting as the channel thickness would be 

decreased (and better controlled) and thus an enhanced surface to volume ratio would be 

obtained, consequently improving the sensitivity of the sensor. This would render the 

presented devices fully printable. Lastly, the formation of a solid electrolyte on top of the 

graphene channel and its subsequent functionalization does not seem to be a promising 

path, as shown by the published reports that solely implement exposed graphene channels 

for electrolyte gating to exploit its uniquely functionalizable surface. However, a back-gated 

FET with still exposed graphene on top, instead of electrolyte-gated, would be interesting to 

investigate possible improvements in the reproducibility and stability over the time of the 

devices. Such a back-gated FET structure would be highly compatible with inkjet-printing on 

PCB as the “buried” gate electrode could be silver printed on PCB while insulators in ink form 

are also available.   

On a second note, DNA detection with MoS2 and PEDOT:PSS or hybrid devices with 

graphene heterostructures could also be attempted. Even though, these materials are not as 

easily functionalized for specific DNA detection as graphene thus the gate electrode surface 

may be used as a sensing interface, they demonstrate advantages like the non-zero band 

gap of MoS2 (higher on-off ratio than graphene) and easy material synthesis of conducting 

polymers. Regarding the presented MoS2 EGFET, a suitable laser sintering tool has to be 

used contrary to the high power, laser cutter that was used as a proof of concept in this 

project. This will enable controllable and reliable sintering without risking compromising the 

material by excessive exposure under the laser beam. Alternatively and as already 

highlighted, flash annealing could be attempted as it has shown promising sintering 

performance.  

Finally, the commercial manufacturing of a microfluidic device for isothermal DNA 

amplification was demonstrated in this thesis with the aim to render the presented BioFET, 

self-sufficient sensing device towards the LoC approach. Here, the focus was limited on the 

design of this device and the preliminary investigation of its microfluidic function along with 

the power consumption requirements with the aim to be suitable for point-of-care 

applications. The Lab-on-PCB concept offers seamless integration of both such a DNA 

amplification device and a field-effect sensor. The amplified product would be fed to the 

field-effect sensor for the specific detection of the target sequence thus the reliance on an 
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ultra-sensitive sensor is alleviated. The future actions regarding the development of this 

device would include a) the evaluation of the heating performance with the buffer flow 

inside the channel; b) ensure that the temperature is uniform across the amplification 

temperature zone; c) the development of temperature-control software for the precise 

heating of the channel and finally the DNA amplification and detection. 

 

10.3 Scientific Contribution 
 

As a last note, the key scientific outcomes in this PhD thesis are summarized as 

follows: 

 Successful inkjet-printing of commercially available silver-nanoparticles ink on 

PCB substrate with large-format, high-throughput, industry-compatible printer 

for the creation of conductive patterns. 

 Fabrication of ultra-stable, inkjet-printed, pseudo reference electrodes and 

assessment of the voltage bias-stress effect on their stability envisaging a fully-

printable FET device. 

 Fabrication of the first ever reported graphene, MoS2 and PEDOT:PSS EGFETs on 

PCB by simple drop-casting. 

 Specific ctDNA detection by the graphene EGFET array. 

 Initial investigation of graphene EGFET in real sample. 

 Microfluidic integration of the EGFETs, the first reported on PCB. 

 Design and commercial manufacturing process for minimizing power 

consumption of PCB-based integrated, isothermal DNA amplification module for 

sample preparation assay steps towards the seamlessly integrated Lab-on-Chip 

direction.  

 

 


