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ABSTRACT 

 The development and evolution of physiological sensors, from wearable to 

implantable, has enabled long term continuous physiological monitoring, making 

possible for the out-of-clinic treatment and management of many chronic illnesses, 

mental health issues and post-surgery recovery. This technology advance is gradually 

changing the definition of health care and the way it is delivered, from clinic/emergency 

room to patient’s own environment. In this dissertation, three general types of sensors 

have been proposed for physiological monitoring of blood pressure, oxygen content and 

electrolyte ion concentration level in human body, respectively. The study proved the 

device concepts and shows promising results with the prototype sensors for possibilities 

of various biomedical applications. 

 In the pressure sensor development, we have designed, fabricated and 

characterized a biocompatible, flexible pressure sensor using Au thin film patterned 

polydimethylsiloxane (PDMS) membrane for bio-implant application. Strain induced 

changes in Au film resistance was used to perform quantitative measurement of absolute 

pressure. The sensor was extensively modeled through COMSOL-based finite element 

simulations for design and performance predication. Three prototype sensors fabricated 

with different membrane thickness of 50, 100 and 200 µm were studied. Very high 

constant sensitivities of 0.1 /Kpa, 0.056 /Kpa and 0.012 /Kpa, respectively, were 

observed over their effective measurement ranges. The high sensitivities are attributed to 

the formation of microcracks in Au film resistor when the sensors are subjected to 
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pressure. Interestingly, the formation of microcracks seemed to be quite reversible within 

certain pressure range. In addition, the correlation of sensitivity and effective sensing 

range with membrane thickness was studied for the three sensors. It was found that the 

device sensitivity increased with the decrease in membrane thickness but at the expense 

of its effective sensing range. This observation corresponds well to the simulation results. 

Response times of all the three sensors were found to be in millisecond range, and the 

best rms noise limited resolution was 0.07 mmHg (9 Pa). 

 In the oxygen sensor development, oxygen sensing characteristics of In2O3 thin 

film at room temperature have been investigated through conductivity measurements 

using interdigitated metal finger patterned devices. We observed that the O2 sensitivity 

gets affected very significantly in presence of moisture, as well as with applied dc bias. 

The O2 sensitivity was found to increase several times in moist ambient compared to dry 

ambient condition. Higher dc bias also dramatically improved the sensitivity, which 

varied more than two orders of magnitude as the dc bias was increased from 0.5 to 10 V. 

We propose that the observed increase in sensitivity in presence of moisture is caused by 

enhanced surface electron density on In2O3 thin film resulting from the donation of 

electrons by the chemisorbed water molecules. The adsorption of O2 molecules, which 

subsequently formed O2- ions, leads to chemical gating of the sensor devices, which 

under larger dc bias produced a higher fractional change in current leading to higher 

sensitivity.  

 In the development of biocompatible ion sensor, a novel ion sensitive field effect 

transistor (ISFET), fabricated using chemical vapor deposition (CVD) derived graphene, 

has been proposed and demonstrated for real-time K+ efflux measurement from living 
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cells. Ion concentration change in electrolyte solution is transduced into an electrical 

(current) signal due to surface potential change in graphene (the material constructing the 

electrical conducting channel of the ISFET). Graphene, a two-dimensional carbon 

allotrope recently discovered in 2004, has a number of exceptional material properties 

which is much superior to silicon with respect to developing sensors for bio-detection 

applications, such as its ultra-high carrier mobility, excellent biocompatibility and very 

good chemical stability. In this work, we have extensively studied the I-V and C-V 

characteristics of the graphene ISFET in both electrolyte and physical buffer solutions 

with different K+ concentration.  Valinomycin coating of the graphene ISFETs has been 

utilized to enhance ionic detection sensitivity and impart selectivity. With the ionophore 

modified graphene ISFET, we have successfully demonstrated real-time detection of K+ 

concentration change in both electrolyte and physiological buffer solutions.  

  Moreover, we have conducted cell based real-time K+ efflux measurement 

utilizing commercial Si based ISFETs, proving the concept of ISFET based ion channel 

screening assay for drug discovery. On the other hand, the prototype graphene based 

ISFET has also been evaluated for K+ efflux detection using a salt bridge configuration, 

showing promising sensing results for future study. 

 In the fabrication of graphene ISFET, we found the epoxy glue used for the sensor 

encapsulation had significant effect on the electric transport properties of graphene 

including conductivity, carrier concentration and field effect mobility. N-type doping 

effect of the epoxy on graphene has been carefully identified and confirmed by 

systematic experiments, which is promising for new alternative approach to dope 

graphene. 
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CHAPTER 1 

INTRODUCTION  

 

1.1 Background and Significance 

 In recent years, a variety of wearable and implantable devices have been 

developed to real time monitor different human physiological parameters from blood 

pressure [1], oxygen content [2], body temperature [3] to electrolyte concentration level [4] 

(Na+, K+ and Cl- etc.). Among them, blood pressure, oxygen content and electrolyte 

concentration level are the three vital parameters, indicating the health condition of 

human being.  

In particular, during and after cardiac surgery of infant/child, physiologic 

parameters such as blood pressure, oxygen tension, pH and temperature can change 

rapidly requiring immediate medical intervention. Continuous physiological monitoring 

of these parameters is critically needed in clinical practice. Presently, intracardiac 

pressures are monitored by fluid-filled catheters that are placed during surgery within the 

heart and tunneled out through the heart wall and skin to connect to an external 

transducer, as shown in Figure 1.1. Despite their clinical importance and benefits, 

bleeding, infection and malfunction associated with the maintenance and removal of 

these intracardiac catheters provide specific risks to the patient. Meanwhile, oxygen 

measurements require removing significant volume of blood from the patient for blood 

gas analysis. This not only wastes blood volume in sometimes very small patients, blood 
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gas analysis does not allow for continuous oxygenation monitoring in critically ill 

patients. There is an ever growing demand for novel sensing solutions that offer direct  

 

 

 

 

 

 

 

 

 

 

 

intracardiac pressure and oxygen monitoring with little or no bleeding and infection risks. 

Considering the size constraints in infants and small children, the dimensions of the 

proposed sensor devices should be scalable, allowing for sufficient miniaturization. 

On the other hand, sensing solution, which offers the capability of real-time 

monitoring electrolyte ion concentration level in physiological solution, also has its 

practical biomedical importance. In specific, high throughput, cell-based screening assays 

are now widely used for identifying compounds that serve as ion channel modulators in 

ion channel drug discovery. Various screening technologies have been developed in 

recent years including fluorescence, automated electrophysiology and ion flux assays. 

However, instrumentation for automated analysis of ion channels in primary and stem 

 
 
Figure 1.1: (a): Schematic drawing of intracardiac catheters probing various 
physiologic parameters (intracardiac pressures, oxygen tension etc.) at different 
locations within the human heart. (b): Typical transthoracic intra-cardiac catheters 
placed in a neonate following cardiac surgery. 
 



 

 

 
3

cells is lacking. A non-invasive, biocompatible electrolyte ion sensor with characteristics 

of low cost, miniaturized size, rapid sensing response and large-scale integrative 

electronic capacity is highly desired for designing next generation automated screening 

assay (as illustrated in Figure 1.2) adaptable for drug discovery of ion channels especially 

in primary and stem cells .  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 

Figure 1.2: Schematic diagram of a prototype 96-well plate 
automated screening assay [5]. System consists of a 1) recording 
head containing 8 ISFETs (ion sensitive field effect transistor as 
the biocompatible ion sensor proposed in this report) with 
incorporated on chip Ag/AgCl reference electrodes and 
capillaries for drug perfusion, 2) xyz robotic stage for 
automatically moving the measurement head and plate, 3) 
peristaltic pump for solution perfusion, and 4) wash trough for 
cleaning the ISFETs. 
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To meet the practical needs in the clinical/biomedical applications above, we 

proposed and demonstrated three general types of thin film based sensors for pressure, 

oxygen and ion detection, respectively. Detail of each sensor development is discussed in 

the following chapters of the dissertation. 

1.2 Outline of the dissertation 

In chapter 2, we presented the development of a PDMS thin film based 

biocompatible/bio-implantable pressure sensor. For sensor design and performance 

prediction, COMSOL based finite element simulation was performed and the simulation 

results are presented. Three prototype pressure sensors with different PDMS membrane 

thicknesses were fabricated and characterized. The fabrication and electrical 

characterization of the pressure sensors are discussed in detail in the chapter. Based on 

the electrical measurement results, correlation of sensor sensitivity and effective sensing 

range with PDMS membrane thickness is also discussed. A simple physical model was 

proposed to explain the sensing mechanism of the pressure sensor. The RMS noise, noise 

limited resolution and response times of the pressure sensor are discussed at the end of 

the chapter. 

Chapter 3 mainly discussed our recent investigation on oxygen sensing 

characteristics of In2O3 thin film under the effects of moisture and dc bias. After a brief 

literature review on oxygen detection using metal oxide films, fabrication of the In2O3 

thin film based oxygen sensor and the experimental setup for amperometric detection are 

discussed. From the amperometric measurement, we found that the O2 sensitivity gets 

affected very significantly in presence of moisture, as well as with applied dc bias. A 
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simple model is introduced correlating the oxygen sensitivity with humidity and electrical 

bias in the Results and Discussion section of the chapter. 

Chapter 4 is basically dedicated to the design and fabrication of a novel grapheme 

based ion sensitive field effect transistor for K+ detection in electrolyte solution. Sensor 

fabrication, starting from a fresh CVD derived graphene on Cu foil to a well packaged 

graphene ISFET was discussed here. Evaluation on the epoxy encapsulated graphene 

ISFET, in terms of electrical insulation, chemical stability and biocompatibility, is 

presented. Effect of epoxy on the electric transport properties of graphene was 

experimentally observed and is also presented here. For better sensor performance, 

optimization of the sensor packaging using biocompatible photoresist is proposed at the 

end of the chapter. 

 We present all the experimental measurements performed on our fabricated 

graphene ISFETs and commercial Si based ISFETs in Chapter 5. In the first half the 

chapter, I-V and C-V characterization of the fabricated graphene ISFET in both 

electrolyte and physiological buffer solutions are discussed. Valinomycin coating of the 

graphene ISFETs has been utilized to enhance ionic detection sensitivity and impart 

selectivity. In the second half of the chapter, time dependent K+ detection using 

valinomycin/polymer modified graphene ISFET is presented and discussed. Real-time 

cell based K+ efflux measurement using both commercial Si based ISFET and the 

graphene ISFET is discussed at the end of the chapter. 

 Chapter 6 summarized all the major contributions of this work to the research 

community. Also we propose future research plan for each of the three sensors here. 
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CHAPTER 2 

BIOCOMPATIBLE PRESSURE SENSOR 

 

2.1 Thin film/membrane based pressure sensor: A brief review 

Thin film/membrane based pressure sensors have wide applications in several 

different fields including bio-implantable devices and electronic artificial skin. A variety 

of pressure transduction schemes exist based on optical [6], capacitive [2], piezoelectric [7], 

and piezoresistive transduction mechanism.[8] Among them, membrane based pressure 

sensors most commonly utilize either capacitive or piezoresistive methods to transduce 

the pressure induced membrane deflection into an electrical signal. Capacitive pressure 

sensor normally consists of a parallel plate capacitor with a conductive floating electrode 

and another stationary electrode placed in close proximity. As shown in Figure 2.1, the 

pressure induced deflection of the flexible membrane causes changes in the capacitance

 

Figure 2.1 Schematic illustrating general structure of a capacitive-based membrane 
pressure sensor and its operation when subjected to pressure.  
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between the electrode pair. The capacitance change can be determined from the change in 

ac current flowing between the two plates of the capacitor upon application of an 

externally applied ac voltage. [2] Various designs of capacitive pressure sensors utilizing 

either silicon or flexible membranes have been reported in the past research efforts. 

Leineweber et al. [9] reported a capacitive tactile sensor chip to measure the distribution of 

forces that act on its surface. The transducer element is a dynamic capacitor, which 

consists of a polysilicon membrane as a floating electrode and bottom electrode 

implanted in the silicon substrate. With similar design concept, the development of 

implantable bio-MEMs sensor based on a flexible silicon dielectric membrane has been 

presented by Simons et al..[10] Zhou et al. [11] designed and fabricated a highly sensitive 

capacitor pressure sensor with a sandwich structure, drastically reducing the processing 

complexity associated with fabricating these sensors.  

In addition to the silicon-based thin film pressure sensors discussed above, 

pressure sensor and strain gauges based on flexible biocompatible materials, such as 

polydimethylsiloxane (PDMS), parylene, or polyethylene terephthalate (PET) etc, are 

also extensively investigated in recent years due to biosensing applications.  Cheng et al. 

[12] presented a capacitive tactile sensor with a floating counter electrode on PDMS thin 

membrane with top sensitivity of 0.02/KPa within 420 mm Hg. More recently, Mannsfeld 

et al. [13] reported a capacitive pressure sensor utilizing three-dimensional micromachined 

PDMS microstructure. The pressure sensor demonstrated a maximum linear sensitivity of 

0.55 /Kpa under 15 mmHg, which compares very favorably with the sensitivity values 

achieved in previous reports. [14-17]  
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On the other hand, piezoresistive pressure sensors transduce the pressure/strain 

induced mechanical deformation of a material to the change in its electrical resistance. 

Lee and Choi [18] demonstrated a novel resistive pressure sensor by incorporating a carbon 

fiber (CF) on a flexible PDMS diaphragm. When subjected to pressure, the PDMS 

membrane deformed and results in a bend of the CF, which induces a detectable change 

in the electrical resistance of the fiber. Lim et al.[19] reported a flexible pressure sensor 

using piezoresistive amorphous silicon thin film patterned polyimide membrane for low-

pressure (0 – 2 psi) sensing applications. More recently, integration of graphene films on 

PDMS has also been performed to develop stretchable and biocompatible strain gauges. 

[20] The gauge factor of the strain gauge was 6.1, which is better than that of conventional 

strain gauges based on metal alloys of ~2. [21] 

The selection of one pressure transduction scheme over the other is dictated by 

the collective combination of advantages and disadvantages. Table 1 summaries the 

relative merits and demerits of membrane based piezoresistive and capacitive pressure 

sensors along with their potential applications. As can be seen from the table, both the 

transduction schemes have their own advantages and constraints. There is no ideal 

pressure sensor, which can be fit into all application scenarios. Beyond the initial 

selection of a pressure transduction scheme, the sensor design is also guided by a number 

of specific requirements set by individual application case. Moreover, nowadays a wide 

variety of material and fabrication processes have been adopted for pressure sensor 

development. There is always a tradeoff between sensor performance and manufacturing 

cost in actual sensor design. 
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Table 2.1: Relative merits and weaknesses of membrane based capacitive and 
piezoresistive pressure sensors. 

 

 
 

 

 

 

 

 

 

 

 

 

 

 

 

2.2 PDMS based biocompatible pressure sensor  

Of the biocompatible materials, PDMS has emerged as the material of choice for 

biosensor development due to its well-known biocompatibility [24], chemical inertness [25], 

ease of molding[26] and high flexibility[27]. Due to its lower Young’s modulus, PDMS thin 

film based pressure sensor has much higher sensitivity, especially in a low pressure 

region, which has prompted its usage in a variety of biocompatible pressure sensors [2, 10, 
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28] and artificial skin applications. [8, 13, 29, 30] K. F. Lei et al. [31] developed a flexible 

PDMS capacitive pressure sensor for plantar pressure measurement in biomechanical 

applications. The sensor was fabricated using a 30 µm PDMS thin film as the dielectric 

layer (also the compressive layer) of the capacitor. By tuning the elasticity of the PDMS, 

optimal sensor sensitivity and linearity was experimentally achieved. Le Cai et al. [32] 

designed a stretchable capacitive strain sensor/gauge based on carbon nanotube (CNT) 

/PDMS composite film for human motion detection. The device was demonstrated to be 

capable of detect uniaxial strain up to 300% with reliable sensor performance due to 

superior strechability of the composite film. Jongchan Kim et al. [33] demonstrated an 

implantable pressure sensor utilizing a commercial thin-film strain gauge embedded in a 

PDMS diaphragm. The sensor was verified for biomedical applications by performing in-

vivo test monitoring the rabbit bladder pressure. 

In this dissertation, a miniaturized, low cost and fully biocompatible pressure 

sensor with high sensitivity in low pressure region (<10 Kpa) has been proposed and 

demonstrated. The pressure sensor is based on resistance changes of an Au thin film 

resistor patterned on a flexible polydimethylsiloxane (PDMS) membrane.  PDMS is 

utilized to construct the main body and the flexible component (membrane) of the 

prototype pressure sensor. Au is chosen to be the material of the thin film resistor because 

of its high conductivity, inertness to most of chemicals (acids and solvent), well known 

biocompatibility and proven high ductility. [34] The following sections in this chapter 

discussed in detail the sensor design, fabrication and its electrical characterization. 
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2.3 Pressure sensor deign, modeling and device fabrication 

2.3.1 Sensing mechanism 

The operation of our PDMS based pressure sensor is based on the change in 

resistance of an Au thin film resistor patterned on a flexible PDMS membrane with 

change in applied pressure. Figure 2.2 schematically illustrates its sensing mechanism. 

When uniform differential pressure is applied at the bottom of the PDMS thin membrane, 

it deforms and induces strain on the Au thin film resistor patterned on the membrane 

which in turn results in an electrical resistance change of the resistor. The change in 

resistance can be determined from the change in DC current flowing through the resistor 

upon application of an externally applied DC bias, thus transducing an analog signal 

(pressure) into an electrical signal (current/resistance).  

The sensitivity of the pressure sensor can be modeled using the strain induced 

resistance change of a metal thin film resistor. According to Ohm’s law, the resistance of 

a thin film resistor (as shown in Figure 2.3 (a)) is given by Equation 1.1, [35] 

� � ��
� � ��

��				(1.1) 

 

Figure 2.2 (a) Schematic drawing illustrating PDMS based resistive pressure sensing. 
(b) PDMS flexible membrane patterned with Au thin film serpentine resistor is fixed at 
its four edges. Upon applied pressure, it deforms and results in a pressure induced 
resistance change of the thin film resistor. 

(a) (b) 
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where ρ is the resistivity of the metal material, L the length, A the cross section area, W 

and T the width and the thickness of the cross section. Differential Eq. (1.1), we have  
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When the thin film resistor is subjected to symmetric biaxial tensions (as illustrated in Fig. 

2.3 (b)), the induced strains along the length, width and thickness directions are given by, 


� � 
� � 
  


� � � ��
��� 
    (1.3) 

where µ is Poisson’s ratio and lies in the range of 0.3 to 0.45 for most metals. 

Substituting Eq. 1.3 into Eq. 1.2 and according to the definition of strain, we have, 

	


 � � ������ 
 �

	�
�    (1.4) 

where dR represents the strain induced resistance change of the resistor and dρ resistivity 

change due to the deformation of the crystal lattice of the material. Thus, the gauge factor 

of the thin film resistor (the sensitivity of the PDMS based pressure sensor here) can be 

determined as, 

� �
��
�
� � � ��

���� �
��
�
�     (1.5) 

 

Figure 2.3 Simplified model of a metal thin film resistor with (a) and without (b) 
being subjected to symmetric biaxial tensions. 
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2.3.2 Sensor design and modeling 

The device structure of our PDMS based pressure sensor is schematically 

illustrated in Figure 2.4. For the sensor to be implantable in neonatal heart, its dimensions 

are restricted to be ~5 x 5 mm2 or less. The effective sensing area of our prototype 

pressure sensor (which was defined by the black square frame in the figure) is kept at 3 x 

3 mm2.  Three sensors with different PDMS membrane thickness of 50, 100 and 200 

were fabricated and characterized respectively in this study. For ease of handling, the 

peripheral dimensions of the entire device are kept at 10 mm x 10 mm x 5 mm (length x 

width x thickness), which can be further miniaturized later as needed. The PDMS frame 

walls and the thin membrane enclose an air chamber with dimensions 3 x 3 x 2 mm3, 

which was used to put desired pressure on the PDMS thin membrane. A polyvinyl 

chloride (PVC) tube with an outer diameter of 3/32 inch was attached to the sidewall of 

the cavity through a hole on the PDMS wall (Fig.1 (a)). A serpentine Au thin film resistor 

was patterned on the top surface of the PDMS membrane using a laser patterned shadow 

mask. The width, length and thickness of the Au film stripe were 100 μm, 17.5 mm and 

Figure 2.4 (a) Three-dimensional schematic diagram of the PDMS thin membrane-
based pressure sensor. (b) The top view of the sensor with the dimensions. 
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200 nm, respectively. Two 1 mm x 1 mm contact pads were deposited at the two ends of 

the resistor to establish external electrical contacts. 

 Since PDMS as a rubber-elastic material has a non-linear stress-strain 

relationship, the complex 3-D deformation of the PDMS membrane under applied 

pressure causes the difficulty in calculating membrane deflection, strain and stress at Au 

film stripe. For sensor design and performance prediction, we used the finite element 

simulation tool, COMSOL Multiphysics® 4.0 (a software platform for physics-based 

modeling and simulation), to determine the pressure induced membrane deflection, strain 

distribution, maximum and average strain on the PDMS thin membrane and Au film 

strip. To characterize the PDMS membrane deflection, a nonlinear Moony-Rivlin stress 

strain relationship was used, which is uniquely suited for rubber-elastic deformations. [36, 

37] The Young’s modulus of PDMS has measured values reported as from 150 K to 3.5 

MPa, which largely depends on the material processing parameters (e.g. curing 

temperature [38] and base/agent mixing ratio [39]) and measurement conditions. In our 

simulation, we set the Young’s modulus to be 3.0 MPa because its corresponding 

pressure induced membrane deflection obtained from the simulation is close to the value 

experimentally observed. Figure 2.5 shows the strain distribution on the top surface of a 

PDMS membrane of 150 um and of the Au thin film serpentine pattern (strip) under 50 

mmHg (~6.7 Kpa) pressure. Non-uniform strain distribution both on the membrane and 

the Au thin film strip was observed, with maximum strain occurring at the center and in 

the vicinity of the four fixed edges of the membrane (Fig. 2.5 (a)) and at the junctions 

between the serpentine resistor and contact pads of the Au film strip (indicated by the red 

arrows Fig. 2.5 (b)). Figure 2.6 (a) shows the pressure induced membrane deflection for  
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Figure 2.5 Pressure induced strain distribution on the top surface of (a) a 150 um 
PDMS membrane solely and of (b) an Au thin film resistor patterned on the PDMS 
membrane of the sensor under 50 mmHg pressure. Red arrows indicate the locations 
on the Au film strip where maximum strain was. 

(a) 

(b) 
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different membrane thickness of 50, 100 and 200 µm, respectively. As we expected, 

thinner membrane is subjected to larger deformation under same applied pressure, thus 

larger strain at the Au film strip. Fig. 2.6 (b) and (c) shows the variation of the maximum 

and the average strain at the Au film strip with the applied pressure from 0 – 50 mmHg. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 2.6 (a) Change in the membrane deflection with applied pressure for 
membrane thickness of 50, 100 and 200 μm, respectively. (b) and (c) Variation of the 
maximum and the average strain with pressure. 
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2.3.3 Device fabrication 

 Three PDMS based pressure sensors with membrane thickness of 50 µm, 100 µm 

and 200 µm were fabricated respectively. The pressure sensor was realized by bonding a 

PDMS thin membrane to an air chamber made of PDMS thick walls. Figure 2.7 (a) gives 

the detailed device fabrication process.[40] PDMS was prepared by mixing the elastomer 

base and curing agent as the weight ratio 10:1 using Sylgard 184 silicone elastomer kit 

 
 

Figure 2.7 (a) Fabrication process flow diagram of the pressure sensor. (b) Optical 
image of a representative pressure sensor with a 200 nm thick Au serpentine pattern (c) 
Magnified image of the Au pattern. 
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(Dow Corning Co.).  The base/agent mixture was then degassed in a desiccator for ~30 

mins. PDMS membranes of 50, 100 and 200 μm thick were spin coated on Si wafers with 

a pre-coated sacrificial layer of photoresist (PR) 1811 and then air-dried by baking the 

supporting wafers at 95 °C for 5 hours (Step 1). The membrane thickness was controlled 

by choosing the rotational speed of a spin coater. Acetone was applied to solve the 

sacrificial PR layer when the PDMS thin membrane was being peeled off. The chamber 

with thick PDMS wall was built using molding method in an aluminum mold (Step 2). A 

Polyvinyl chloride (PVC) tube (Tygon®) was mounted on the wall for air inlet and outlet 

and the PDMS thin membrane was then bonded onto the chamber (Step 3). Au thin film 

pattern (200 nm in thickness) was deposited onto the membrane using electron beam 

evaporation (DV-502A, Denton Co.) and a laser-cut polyimide film (Kapton®, DuPont 

Co.) as shadow mask with 300 μm in thickness (Steps 4 and 5). Fig. 3 (b) and (c) shows a 

well-defined Au serpentine resistor on a 200 μm thick PDMS thin membrane of a 

representative pressure sensor. 

 

2.4 Sensor electrical characterization 

2.4.1 Experimental setup 

 The sensor electrical characterization was performed on a probe station. The 

schematic diagram of the experiment set-up is shown in Figure 2.8. The air pressure was 

applied to the device under test via a PVC tube using a commercial pressure pump (3D 

instruments, LLC.). To accurately monitor the differential pressure applied on the PDMS 

membrane (taking into account the ambient atmospheric pressure), a commercial pressure 

gauge (Omega, DPG5600B-05G) was mounted on the pump. A steady DC bias of 0.5 V 
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was supplied to the measurement system and time-dependent resistance change of the 

sensor in response to applied pressure was logged using a data acquisition unit (Agilent 

34972A). The acquired data was transmitted to a computer through a LAN connection for 

processing. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

2.4.2 Sensing results and discussion 

A. Sensitivity dependence on the PDMS membrane thickness 

 The sensitivity of our PDMS flexible pressure sensor is defined as Sensitivity (S) 

= (∆R/R0) / ∆P, where ∆P is the pressure changes, R0 initial resistance of the metal thin 

 
 
 
Figure 2.8 Schematic diagram of the experimental set-up for sensor electrical 
characterization. 



 

 20

film and ∆R pressure induced resistance change. Figure 2.9 (a) shows the relative 

resistance change ∆R/R0 vs. the applied pressure curves for the sensors with three 

different PDMS membrane thickness of 50 µm, 100 µm and 200 µm respectively. It was 

observed that, in general, the device sensitivity (given by the slopes of the curves) 

increases with the decrease of the membrane thickness. Sensors with thinner membrane 

have higher sensitivity because under the same applied pressure, thinner membrane is 

subjected to larger deformation (Fig. 2.6 (a)) thus larger strain (Fig. 2.6 (b)) will be 

induced on the Au thin film resistor resulting in larger resistance change. Therefore, it is 

possible to further enhance the sensitivity of our pressure sensor by scaling down the 

thickness of the PDMS membrane.  

 The sensitivities of 50 µm sensor, 100 µm sensor and 200 µm sensor are 0.1/Kpa 

in 0 – 28 mmHg, 0.056/Kpa in 0 – 35 mmHg, and 0.012/Kpa in 0 – 40 mmHg pressure 

range respectively (listed in Table 2.2), which compare favorably with results reported 

earlier in the range of 5 x 10-4 – 5 x 10-2 /Kpa for similar dimensions of sensing area. [14, 

15, 17, 29, 41-43] To further compare the performance of these sensors with other pressure 

sensors developed as strain gauges, it is necessary to calculate their strain gauge factor G. 

The calculation is, however, not very straightforward since the PDMS based pressure 

sensor has a non-uniform strain distribution under applied pressure as discussed in 

Section 2.3.2. Hence, the average strain (εAV) calculated over the top surface of the Au 

film strip was used to obtain the gauge factor G. The εAV of the three sensors with change 

in applied pressure was obtained from the COMSOL based simulation and plotted in Fig. 

2.6 (c). Figure 2.9 (b) shows the relative resistance change ∆R/R0 with change in the 

average strain εAV for the three sensors. The gauge factors G, given by the slope of the  
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Figure 2.9 (a) Relative resistance changes ΔR/R0 vs. applied pressure for the 50, 100 
and 200 µm sensors, respectively. (b) Relative resistance changes ΔR/R0 vs. average 
strain. The slope of the curves defines the strain gauge factor G. 
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curves,  are 381, 202 and 68 for the 50, 100 and 200 µm sensors respectively, which has a 

much higher value than that of the commercial strain gauge based on metal alloys (G ~ 2) 

and those of the strain sensors which were reported earlier in the literature. [18, 44, 45] 

 

 

 

 

 

 

 

 

 

 

B. Effective sensing range 

 It was experimentally observed by Yu-Hsin Wen et al.[44, 45] that the maximum 

strain, without causing the Au thin film (100 nm – 200 nm) to crack, lay in the range of 

0.8 % – 1.09 %. Based on their results, the maximum strain for our sensor was selected as 

0.8 % for a reliable operation. Simulation results from our study (Fig. 2.6 (b)) revealed 

that, to an applied pressure of 40 mmHg, the pressure induced maximum strain on the Au 

film resistor are 1%, 0.9% and 0.67% for the 50, 100 and 200 µm sensors respectively. 

Thus the 200 µm sensor is expected to be capable of measuring pressure up to 40 mmHg. 

While, to the 50 and the 100 µm sensors, they are supposed to have a lower effective 

measurement (sensing) range. In our experiment, from the ∆R/R0 vs. Pressure curves 

Table 2.2: Sensor Performance characteristics of the fabricated pressure sensors.  
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(Fig. 2.9 (a)), we found the 200 µm sensor operated in a linear relationship with the 

applied pressure over the entire measurement range from 0 to 40 mmHg. While to the 50 

and 100 µm sensors, a sharp change in the slope of the curves occurred at 28 and 35 

mmHg respectively. This abrupt sensitivity change implies that two different mechanisms 

were responsible for the sensor resistance change in these two operating regions i.e. 0 – 

28 (35) and 28 (35) to 40 mmHg.  

For the sensors operating in low pressure region, 0 – 28 (35) mmHg, we proposed 

that the resistance change was mainly attributed to the pressure induced micro-crack 

formation in the Au thin film resistor as discussed in our recent publication. [40] It has 

been reported in the literature [46-53] that the formation of microcracks is the major reason 

for causing strain-induced resistivity changes in metal thin films on polymer or 

elastomeric materials. Figure 2.10 (a) schematically illustrates the mechanism. When 

subjected to strain, the metal film cracks, but does not get completely disconnected, i.e. a 

very thin (sub-nanometer level) layer of metal at the bottom of the crack still conducts. [46, 

49] However, this can give rise to a dramatic change in film conductivity. The mechanism 

of formation of microcracks has not been understood clearly yet. The cracks possibly 

arise from the imperfections in the grain boundaries of the deposited metal film. [51, 52] In 

our experiment, we observed that some initial microcracks are formed spontaneously 

following the deposition of the Au film, and more created in the Au layer when the 

PDMS membrane was subjected to pressure, as exemplified by the SEM images of a 

representative 200 μm sensor in Fig. 2.10 (b) and (c). Interestingly, the strain-induced 

microcrack formation was experimentally found to be quite reversible within certain 

pressure range, which is so called effective sensing range here. Within the effective 
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sensing range (e.g. 0 – 40 mmHg for the 200 um sensor), the sensor presents a linear 

response to applied pressure with reliable performance (Fig. 2.9 (a)). Figure 2.11 shows 

the sensor response of a representative 200 um sensor in the 14 loading-unloading cycles. 

Clearly, for the applied pressure range (0 – 5 mmHg), the sensor performance is very 

consistent over the various cycles. 

  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 
Figure 2.10 (a) Schematic illustration of a strain-induced microcrack in the Au thin film 
patterned on PDMS membrane. (b) An SEM image of the Au thin film resistor on a 
representative 200 μm sensor under 24 mmHg pressure. The inset gives a magnified 
view on one section of the resistor, clearly showing several microcracks. (c) Magnified 
view of a single microcrack. Inset shows the magnified image of the crack. Its length (Lr) 
and width (Wr) were estimated to be 0.8 and 104 μm, respectively.  
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For sensors operating at pressure region over their effective sensing range (e.g. 28 

– 40 mmHg for the 50 um sensor), the sharp change in resistance can be attributed to the 

partial breaking of the Au resistor. From the maximum strain vs. pressure curves of the 

50 and 100 um sensors (Fig. 2.6 (b)), the maximum strain on the Au thin film resistor are 

0.78 % and 0.84 % at 28 mmHg and 35 mmHg respectively, which are very close to the 

strain value of 0.8 % causing possible failure in Au film (open circuit in Au film resistor). 

Different to the microcrack formation, the breaking induced by the strain lager than ~ 

0.8 % is discontinuous and also non-conducting across the Au resistor. There is no Au 

residual layer existing at the breaking sites as in the micro-crack formation. The breaking 

first grows from the point with maximum strain and finally extends through the entire 

feature of the Au pattern over multiple pressure loading-unloading cycles, causing 

 
 

Figure 2.11 Sensor response of 14 consecutive loading and unloading cycles between 
0 and 5 mmHg. In the measurement, the pressure was quickly adjusted manually from 
initial 0 mmHg (0 % relative loading) to 5 mmHg (100 %) relative loading). The 
pressure was kept at 5 mmHg for 30 seconds and then reduced back to 0 mmHg for 
another 30 seconds. The relative loading was calculated as (R-R0)/ (R5 mmHg -R0) 
×100%, where R is the measured resistance, R0 and R5 mm Hg are the resistance at 0 
and 5 mmHg respectively. 
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permanent failure of the sensor. Before the Au pattern completely breaks, the resistor is 

still conducting because the partial feature of the pattern is still continuous. It is so-called 

partial breaking. 

Although for sensor operating at extreme high pressure region (maximum strain at 

the Au film strip lager than 0.8 %), it has a much higher sensitivity as shown in Fig. 2.9 

(a), partially-broken Au pattern might not recover its initial electrical resistance when the 

pressure is released, which will result in sensing hysteresis. Moreover, the partial 

breaking might sharply reduce the fatigue life of the Au resistor because the breaking will 

gradually grow with the increasing number of loading-unloading cycles and eventually  

cause permanent sensor failure. Thus for stable and reproducible pressure sensing, the 

effective sensing range of our PDMS based pressure sensors of 50 um, 100 um and 200 

um are determined to be 0 – 28 mmHg, 0 – 35 mmHg and 0 – 40 mmHg respectively.  

C. Response time and sensing resolution 

 A faster response time of the pressure sensor is essential to obtain accurate real-

time information about pressure. Figure 2.12 shows the response and relaxation times 

(rise and fall times, respectively) of the three sensors corresponding to the loading and 

unloading (pressure on and off, respectively). The response and relaxation time (time gap 

between 10 % and 90% of the steady state value at each pressure) of the 50 μm sensor, 

100 μm sensor and 200 μm sensors were calculated and listed in Table 2.2. It should be 

noted that since the pressure was adjusted manually between 0 and 5 mmHg in the 

measurement, the response and relaxation times include the response times for the human 

hand, and thus represent upper limit for the sensor response times. Nonetheless, these 

response times are still 1 – 3 orders of magnitude better than previous sensors. [15, 17, 54]  
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 In addition, we also measured the overall sensor resistance noise. Figure 2.13 

shows the resistance root mean square (RMS) noise of the 200 µm sensor at different 

applied pressures which can be seen to remain fairly constant with pressure. The RMS 

noise at 0 mmHg for the three sensors are calculated and presented in Table 2.2. The best 

RMS noise limited resolution was found to be 0.07 mmHg (~ 9 Pa), which is much better 

than the desired value, 0.3 mmHg [55] (~ 40 Pa) typically required for blood pressure 

monitoring and higher than those of the pressure sensing elements reported recently for 

bio-implantable and artificial skin applications. [12, 41, 55] 

 
 

Figure 2.12 Sensor responses of the 50, 100 and 200 um sensors in a single loading 
and unloading cycle between 0 and 5 mmHg pressures. Relative loading of 0 and 100 
% correspond to 0 and 5 mmHg pressures respectively. 
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   Figure 2.13 Variation of the RMS noise level of the 200 µm sensor with applied 

pressure. The inset shows the time-dependent resistance fluctuation at 0 mmHg 
pressure, which was used in the RMS noise calculation. 
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CHAPTER 3 

OXYGEN DETECTION USING INDIUM OXIDE THIN FILMS 

 

3.1 Introduction 

 Oxygen sensors have found wide applications in diverse fields ranging from 

automotive industry [56-58], medical [59-61], and scientific explorations [62, 63]. Metal oxides, 

such as, In2O3, ZnO, SnO2, and TiO2 have been widely investigated over the past years as 

materials for developing gas sensors [64-67]. However, high operating temperature is 

necessary to optimize the performance (i.e. high sensitivity and selectivity) of these metal 

oxide based sensors, for detecting various gaseous analytes including O2 
[68-70]. In 

particular, In2O3 is a wide bandgap (~3.7 eV) semiconductor exhibiting n-type behavior 

in its non-stoichiometric form due to oxygen vacancy induced doping [71, 72]. Daniel Laser 

reported the observation of conductivity modulation in In2O3 thin film by oxygen 

pressure variation [73]. It was experimentally found that the oxygen sensitivity was largely 

dependent on the operating temperature and film thickness (grain size). High operating 

temperature, however, implies high power dissipation, which becomes a challenge for 

further using miniaturized low power gas sensors in practical handheld sensor systems. 

 Research efforts have been directed toward improving the sensitivity, in an effort 

to reduce the operating temperature of the metal oxide sensors, by controlling their 

structural [74-76] and doping properties [76, 77]. Chaabouni et al. investigated the oxygen 

sensing property of ZnO thin film, prepared by RF magnetron sputtering, and found that 
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the microstructure of the as-deposited films, which is dependent on deposition parameters 

and substrate nature, had a large influence on its oxygen sensitivity [75]. Atkinson et al. [77] 

studied the effect of dopant and firing temperature on the oxygen sensitivity of SnO2 film 

based device fabricated by screen printing technique.  They reported that using catalyst 

metal dopant Pt and higher annealing temperature helped to improve the sensor response 

at room temperature.  More recently, oxygen sensor based on platinum doped In2O3 

nanocrystals was demonstrated to have a very high sensitivity at room temperature [76], 

producing 95% change in resistance in response to 20% O2 which compares favorably to 

the sensitivity values reported elsewhere [75, 77-80]. The high sensitivity was attributed to 

the large surface to volume ratio of nanosized In2O3 particles (synthesized via a non-

aqueous sol-gel method), and enhanced O2 chemisorption using Pt dopant as a catalytic 

promoter. 

 Another interesting approach for modulating oxygen sensitivity of both 

semiconductor thin films and nanowires (NW) has been demonstrated by adjusting the 

vertical electrical field between two parallel metal plates [81], or underneath a gate 

terminal [82-84]. Volkenshtein [85] first proposed that chemisorption of gas molecules on 

semiconductors might be electrically controlled by electric field vertically oriented to 

semiconductor surface. This idea was later experimentally observed by Stuart et al. [81] on 

ZnO thin film (300~700 nm). By adjusting the strength and orientation of the electric 

field generated between two parallel field plates, oxygen chemisorption on ZnO surface, 

and consequently the sensitivity, was controlled. It was proposed that the electric field 

resulted in the variation of the surface electron density. More recently, Zhang et al. [82] 

reported oxygen sensitivity modulation of a back-gated SnO2 nanowire (NW) field effect 
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transistor using the gate terminal. They proposed that by adjusting the gate bias, the 

available electron density at the oxygen vacancy sites inside the NW was varied and thus 

oxygen adsorption and desorption could be electrically controlled. 

 In this work, we systematically studied the effect of oxygen sensitivity of In2O3 

thin film at room temperature under different dc biasing and humidity conditions. A 

simple model has been proposed correlating the oxygen sensitivity with humidity and 

electrical bias. 

3.2 Experimental details 

3.2.1 Device fabrication 

  The In2O3 functionalization layer used for sensing was 1 µm thick film on Al2O3 

ceramic substrate purchased from Thinfilms Inc., and was RF sputtered at a base pressure 

of 5 × 10-7 Torr using an In metal target and oxygen as precursors. The conductivity of 

the as-deposited film at RT was determined with standard transmission line measurement 

(TLM), which yielded a contact resistivity of 1.762 × 10-2 Ω cm2 and a film conductivity 

of 7.58 × 10-2 S/cm [64]. By conventional photolithographic process, interdigitated finger 

pattern of Ti (5 nm)/Au (50 nm) was deposited on top of the In2O3 thin film (both finger 

width and spacing were 50 µm), as schematically illustrated in Figure 3.1 (a). The finger 

pattern was used to obtain lower resistance thus higher detection sensitivity to gas 

analytes. 

3.2.2 Measurement setup 

Measurements of conductivity changes of In2O3 thin films were conducted at 

room temperature and atmospheric pressure both inside and outside a glass test chamber. 

The experimental set up is shown schematically in Fig. 3.1 (a). By simply applying a dc  
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Figure 3.1: (a) Schematic diagram showing the sensor 
configuration for conductivity measurements. (b) A picture of the 
experimental set-up showing the test chamber as well as the gas 
inlet and outlet. The inset shows a magnified view of the test 
sample holder and the metal electrodes for biasing the sample. 
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bias across two metal contacts of the fabricated device, temporal current responses upon 

exposure to different gaseous analytes were recorded by a data acquisition unit (Agilent 

34972A). To characterize the device in a well-controlled test environment as desired, it 

was mounted into a glass chamber of effective volume ~400 cm3 and placed in close 

proximity to a gas flow fixture with a cross-section area of 0.5 cm2, which enables us to 

quickly set the ambient condition of the sample to a desired O2 concentration level (Fig. 

3.1 (b)). A pair of spring loaded electrodes made the electrical connection between the 

device and the outside characterization equipment. Gaseous analytes (ultra-high purity O2 

and N2) were purchased from Airgas, National WeldersTM. For the sensing experiment 

conducted inside the chamber, pure N2 was used as gas carrier to mix with pure O2 to 

obtain a desired O2 concentration level at the gas inlet. Mass flow controllers (500 sccm 

Type 247, MKS Instruments) were used to control the flow rates and obtain desired 

composition of the analyte gas (O2). To provide a moist environment for testing, dry N2 

was bubbled through a flask partially filled with deionized water (to produce N2 saturated 

with water vapor at a given flow rate) before being combined with target gas analyte. The 

sensitivity (S) of the sensor is defined as percentage electrical conductivity change ∆σ/σ, 

where σ is the initial conductivity at equilibrium and Δσ the induced conductivity change 

due to changes in O2 concentration. 

 

3.3 Results and Discussion 

3.3.1 Modulation of O2 sensitivity in presence of moisture 

 We first examined the sensor response to O2 outside the chamber in air. By 

flowing pure O2 (250 sccm) over the sample, we observed ~40 % reduction in sample  
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conductivity as shown in Figure 3.2. For reference, the sensor response to pure N2 was 

also examined and presented as an inset in Fig. 3.2. We find that the change is only ~4 %, 

and also in opposite direction, i.e. the conductivity increased instead of decreasing, unlike 

O2. Both the magnitude and direction of the conductivity change supports the strong 

response of these films to changes in O2 concentration, in agreement with earlier reports 

[73, 76]. Assuming that the ambient O2 concentration is ~20%, flowing pure O2 over the 

sample resulted in an 80% increase in O2 concentration (led to a decrease in 

conductivity), while flow of pure N2 resulted in 20% decrease in O2 concentration (led to 

an increase in conductivity). Since the measurements were carried out in ambient 

 
 
Figure 3.2: Sensor responses to flow of pure O2 and pure N2 (inset) in 
air under 10 V dc bias. The flow rate was 250 sccm for both gases. 
Points A and B indicate when gas flow was turned on and off, 
respectively. 
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conditions, adsorbed molecules e.g. water vapor [86, 87], can likely affect the sensing 

response.  To investigate the possible effects of moisture, systematic sensing 

measurements were conducted in a closed test chamber, which allowed the test 

environment to be controlled as desired. 

 Before conducting the sensing experiments, the test chamber was first evacuated 

for 30 minutes. Afterwards, a constant 50 sccm flow of dry N2 was started into the 

chamber and kept on as the background carrier (and diluting) gas throughout the 

experiment. To test for oxygen sensitivity, O2 concentration change of 80% in the test gas 

(mimicking the change in oxygen concentration in our experiment conducted in air) was 

produced by starting an additional 200 sccm flow of dry O2 into the chamber. We 

observed similar conductivity modulation as in air, with the maximum conductivity 

change (decrease) of ~40% after switching off the O2 flow, as shown in Figure 3.3. Thus, 

we confirmed that our In2O3 sample responded similarly to O2 at RT, both in ambient and 

in a closed chamber. Previously reported results indicate that the conductivity modulation 

caused by change in O2 concentration is mainly due to the chemisorption of O2 molecules 

on the In2O3 thin film [73, 76]. Due to the polycrystalline and porous nature of the In2O3 

thin film, as evident from the scanning electron micrograph shown in Figure 3.4, this 

chemisorption can occur efficiently at various sites of the structure including the surface 

of individual grains, grain boundaries and metal-semiconductor contact interface [88]. 

Indium oxide in its non-stoichiometric form is an n-type semiconductor with oxygen 

vacancies acting as donors. Upon adsorption of O2, electrons transfer from In2O3 to the 

O2 molecules reducing the conductivity of the thin film in the subsurface region, and 
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simultaneously increasing the potential barrier for charge transport at grain boundaries [89] 

and metal-semiconductor interface similar to SnO2 [90]. All these aspects are responsible  

 

 

 

 

 

 

 

 

  

 

 

 

 

 

for the experimentally observed decrease in electrical conductivity as discussed above 

(Fig. 3.2 and 3.3). Although the maximum conductivity change (decrease) observed in 

Fig. 3.2 and 3.3 are approximately the same, i.e. ~40%, the modulation rate are quite 

different, as evident from the inset of Fig 3.3 where they are compared together. It has 

been well documented in the literature that humidity has a significant effect on the 

conductivity of metal oxide films including In2O3 
[86, 87, 91] and their O2 sensing property  

 

 
 
Figure 3.3: Sensor response to 80 % oxygen flow (200 sccm dry O2 with 
50 sccm dry N2 as carrier) recorded in the test chamber with 10 V applied 
dc bias. Points A and B indicate when O2 flow was turned on and off, 
respectively. The inset compares the sensor responses to the same O2 
concentration change (80%) in air and in chamber. 
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[77, 92, 93]. Since moisture is present outside the chamber (in ambient), but absent inside, we 

conclude that moisture plays a significant role in affecting the sensor response to O2. 

 To systematically investigate the effect of moisture on the O2 sensitivity of the 

sensor, we performed a series of experiments inside the test chamber under a set of well-

controlled conditions, with and without the presence of moisture. The sample was first 

placed in a moist environment with an initial flow of moist N2 (50 sccm) as the 

background carrier gas. Then, to simulate a 50% change in O2 concentration inside the 

chamber, an additional 50 sccm flow of dry O2 was started. We observed a decrease in 

conductivity of the sensor (Figure 3.5), in agreement with our previous results, but at a 

much faster rate of ~40% within 13 minutes, compared to 210 minutes required to 

produce the same change, with dry N2 as the carrier gas. In fact, this is even faster than 

the rate of conductivity variation in air caused by a change in O2 concentration of 80% 

 
 
Figure 3.4: Scanning electron micrograph of a representative In2O3 thin film with 
thin metal contacts (Ti/Au) deposited on top. The inset shows a magnified image 
of the film from which its porous nature is evident. 
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(Fig. 3.3). Interestingly, the inset of Fig. 3.5 shows the response to flow of 50 sccm dry 

N2 instead of O2, where a decrease in conductivity of ~7% in 32 minutes is observe. The 

higher conductivity modulation rate with O2 exposure in moist environment is most likely 

due to the enhanced oxygen adsorption caused by the additional n-type doping induced 

by moisture. On the other hand, the small conductivity decrease of the sample in response 

to N2 exposure (inset of Fig. 3.5) can be attributed to the reduction in the amount of 

physisorbed water molecules on the surface of the sample. Both these mechanisms are 

discussed in detail later. Clearly, the above experimental results substantiate the influence 

of moisture on the O2 sensitivity of the sensor. Since H2O chemisorption would occur on 

In2O3 film surface when stored in ambient condition, and once chemisorbed, the 

molecules normally do not desorb easily at RT [86]. Even without introducing moisture in 

the test chamber, significant adsorbed water molecules are still expected to be present on 

the sample surface which can enable the fast sensor response to O2 as observed in Fig. 

3.3. 

 To verify that surface adsorbed moisture indeed played a role in oxygen 

sensitivity, we compared the sensor responses to the same percentage O2 concentration 

change (50%) in both dry and moist conditions. The sample was first annealed in vacuum 

at ~200 °C for 2 hours to thermally desorb the H2O molecules from the sample surface to 

a large extent. After vacuum annealing, the sample was exposed to 50 % O2 

concentration change (50 sccm dry O2 with 50 sccm dry N2 as the carrier gas). We again 

observed a decrease in the film conductivity, but with a much lower rate of decrease and 

extent as shown in Figure 3.6 (~15 % within 37 minutes as compared to ~60 % under  
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moist condition over the same duration). For comparison, we conducted the same 

experiment with additional 50 sccm dry N2 flow instead of O2, which did not result in any 

significant conductivity modulation (inset of Fig. 3.6). To explain the above observation 

on the modulation of oxygen sensitivity by the presence of moisture, we consider the 

chemisorption of the water molecules on the In2O3 surface. The chemisorption process is 

shown schematically in Figure 3.7 (a), where the adsorption of water molecules results in 

electron donation to the oxide film following a non-dissociative mechanism [92, 94], and 

causing an electron accumulation layer to form on the surface, which consequently 

enhances the sensitivity to oxygen. The band diagrams corresponding to initial state 

 
 
Figure 3.5: Temporal change in conductivity of the sensor upon exposure to 50 % 
O2 in moist ambient condition (50 sccm dry O2 with 50 sccm moist N2 as carrier), 

under 10 V dc bias. As reference, the inset shows the sensor response to 50 sccm 
dry N2 (moist N2 was kept on as the background carrier). Points A and B indicate 
when dry O2 (N2) flow was turned on and off, respectively. 
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without any adsorption (assumed to be flatband condition), following water adsorption, 

and following oxygen adsorption are shown in Figs. 3.7 (b) – (d). Since electron donation 

to the In2O3 thin film occurs as a consequence of H2O chemisorption and oxygen 

molecules accept electrons, the sensitivity to oxygen increases very significantly in 

presence of moisture, as directly observed in our experiments. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 
Figure 3.6:  Temporal change in conductivity of the sensor upon exposure 
to 50 % O2 in dry ambient condition (50 sccm dry O2 with 50 sccm dry N2, 
which was kept on as background carrier), under 10 V dc bias. Points A 
and B indicate when O2 (N2) flow was turned on and off, respectively. 
Sensor temperature was slowly increased starting from point C and 
reached ~110 °C when the conductivity of the sensor completely 
recovered. Inset shows the sensor response to 100 sccm dry N2 flow (50 
sccm additional N2 flow over the background flow). 
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 In addition to chemisorption, physisorption of water molecules can also occur 

under high RH conditions, where water layers stack on one another and eventually form a 

liquid-like network [86, 91]. In this process, the film conductivity is increased, but this does 

not directly affect the oxygen sensitivity. This physisorbed layer also contributes to the 

increase in electrical conductivity by enhancing (i) the ionic conduction (proton hopping) 

between physisorbed water molecules on grain surfaces, and (ii) electrolytic conduction 

due to water condensation within capillary pores of the sensing material [95]. In our 

experiment, we have examined the influence of water adsorption on In2O3 thin film by 

monitoring the conductivity change when moisture was first introduced into the chamber. 

The sample was initially placed in a dry environment inside a chamber under a constant 

dry N2 flow of 250 sccm, which was followed by exposure to moist N2 of the same flow 

 
 

Figure 3.7:  (a) Schematic diagram illustrating chemisorption of H2O molecules on the 

In2O3 surface. (b), (c) and (d) Energy band diagrams before (b) and after chemisorption 

of charged H2O (c) and O2 (d) on the In2O3 surface. The charge exchange between the 

energy levels introduced by the adsorbed molecules, Ess, and the conduction band are 

also shown. 
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rate. Upon exposure to moisture, the sample conductivity rapidly increased ~20 fold and 

approached saturation within ~25 minutes, as shown in Figure 3.8. This clearly supports 

the above assertion that chemisorption and physisorption of water molecules on In2O3 

surface significantly affects the film conductivity. 

  

 

 

 

 

 

 

 

 

 

 

 

 

 

 The physisorbed H2O can be easily and reversibly removed from the surface by 

decreasing the RH [86]. In fact, we observed that flow of a dry gas over the sample while 

its surface is still wet (physisorbed molecules present on the surface), can significantly 

change (reduce) the conductivity, as illustrated by the sensor response in the inset of Fig. 

3.5. On the other hand, flow of dry N2 did not cause any significant conductivity 

 
 
Figure 3.8: Temporal conductivity change of the sample when moisture (250 sccm 
moist N2) was first introduced into the chamber. Point A indicates when dry N2 
flow (also 250 sccm) was turned off and moist N2 turned on. The inset gives the 
equivalent temporal current change of the sample, originally recorded upon 
exposure to moisture, under 10 V dc bias. 
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modulation (reduction), as expected, when the water completely desorbed from the 

sample surface after the sample was baked at high temperature (see inset of Fig. 3.6). 

3.3.2 Oxygen sensitivity dependence on electrical bias 

 In addition to the presence of moisture, application of an electric field can also 

lead to an increase in sensor sensitivity [81-83]. To investigate any bias related 

enhancement in sensitivity for our In2O3 films, we conducted systematic O2 sensing 

experiments in a dry environment under different applied dc biases. Similar to the 

moisture related sensing experiments described above, a background flow of dry N2 at 50 

sccm was maintained throughout these experiments. For different dc biases, the device 

was exposed to 50% dry O2 (50 sccm pure O2 flown in addition to the 50 sccm N2 carrier 

gas) for ~5 minutes, and the corresponding conductivity modulation was recorded. 

Afterwards, the O2 flow was switched off, and the chamber was filled with dry N2. In 

between each applied bias, the chamber was kept in evacuated condition for 20 mins to 

clean up residual gases. Figure 3.9 (a) and (b) show the percentage conductivity variation 

(for applied biases changing from 0.5 to 10 V) as a function of time as O2 flow was 

switched on (the actual concentration of O2 was 50% due to continuous background flow 

of 50 sccm dry N2) and off. From Fig. 3.9 we find that the sensor response to 50% dry O2 

changes from 0.08 to 11.8% as the applied dc bias changes from 0.5 to 10 V (see inset of 

Fig. 3.10). Clearly, the percentage conductivity change increased at a much higher rate 

compared to the voltage change (superlinear behavior), indicating that the impact of O2 

exposure on conductivity is much higher at larger voltage biases. Figure 3.10 compares 

the equilibrium current measured in dry N2 environment with the current values measured 

in 50% dry O2 as a function of applied bias (data from the same experiment as discussed 
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above). We find that the current-voltage relationship for dry N2 is linear as expected, 

however, it deviates significantly from the linear behavior in presence of 50% dry O2, 

underlining the strong influence of O2 on conductivity at higher biases.  

 

   

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 

Figure 3.9: Sensor responses to 50 % dry O2 flow (50 sccm dry O2 with 50 sccm 
dry N2 as carrier) recorded in the test chamber under larger (a) and smaller (b) 
range of dc bias. 
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 To further verify this trend, we directly measured the current-voltage 

characteristics of the sensor first in pure dry N2 and then in 100% O2, over a larger range 

of voltage, from 0 to 27 V. The results are shown in Figure 3.11(a). We find that the 

sensor current (in dry N2) increases linearly with applied bias at lower magnitudes, as 

also seen in Fig. 3.10, but finally begins to saturate for dc bias >21 V. The sensor current 

after exposure to dry O2 also followed a similar trend, although the current started to 

deviate from linear behavior at a much lower voltage (~7 V), as expected. The percentage 

conductivity changes with respect to voltage bias shown at the inset, which once again 

exhibits a superlinear behavior for dc bias <21 V, like that in Fig. 3.10. Overall, the 

 
 

Figure 3.10: Equilibrium sensor current versus applied dc bias. The solid line is 
the least square fit to the current data recoded in pure N2 under different applied 
bias. The dashed line is a quadratic polynomial fit to the saturated current values 
recorded after exposing the device to 50 % O2 for 5 mins. Inset shows the 
percentage conductivity change of the sample upon O2 exposure with applied bias. 
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sensor characteristics are similar to that of a field effect transistor (FET) at different gate 

biases. Typical drain current-drain voltage (Id-Vd) family of curves at different gate 

voltages for AlGaN/GaN high electron mobility transistor or HEMT (a depletion mode 

device that is analogous to our sensor device where charge depletes due to O2 adsorption) 

fabricated in our lab is shown in Fig. 3.11 (b), which is very similar to commonly 

reported Id-Vd characteristics of depletion mode FETs in the literature [96, 97]. It is easy to 

see that the Id-Vd characteristics corresponding to two different gate voltages in Fig. 3.11 

(b) is very similar to the characteristic under pure N2 and that under 100% dry O2. The 

later can actually be thought to correspond to the FET characteristics under zero gate 

voltage and a large negative gate voltage, respectively. Thus, the adsorbed oxygen 

molecules serve to “electrochemically” gate the sensor device, resulting in its higher 

sensing response at higher applied biases. The concentration of the oxygen is analogous 

to the magnitude of the reverse bias for an FET. It should be noted, however, that at very 

high applied voltages when both the responses saturate (corresponding to N2 and 100% 

O2), the sensitivity will also saturate. Such a saturating trend in percentage conductivity 

change can be seen in the inset of Fig. 3.11 (a), for larger voltage biases (>21 V). Since, 

higher applied voltage results in larger power dissipation, the optimized biasing point of 

these sensors should be chosen somewhere near the onset of saturation behavior, since 

higher biases would only increase power dissipation without significantly improving 

sensitivity. 
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Figure 3.11: (a) Device I-V characteristic recorded in pure N2 and O2 

ambient. Inset shows the percentage conductivity change of the device as 
a function of applied bias between pure N2 and pure O2 exposure 
conditions. (b)  Id-Vd characteristics of a representative AlGaN/GaN 
HEMT device fabricated in our lab. 
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CHAPTER 4 

DESIGN AND FABRICATION OF GRAPHENE BASED ION SENSITIVE FIELD EFFECT 

TRANSISTOR 

 

4.1 Introduction 

4.1.1. Background and Significance 

 In a cell membrane (as illustrated in Figure 4.1), there are kinds of special 

proteins that can act as channels responsible for the electrical ion transportation. These 

channels are implicated in a wide range of pathological conditions such as epilepsy, 

cardiac arrhythmia, chronic pain, migraines, and type II diabetes. Thus they have become 

highly attractive therapeutic targets for drug discovery in pharmaceutical industry. As 

 

Figure 4.1: Illustration of ion channels in a cell membrane by J.P. 
Cartailler., Copyright 2007, Symmation LLC. 
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was reported, approximately 13% of the available drugs have their mechanism of action 

attributed to activity at various types of cell ion channels [98], representing a market value 

in excess of 12 billion [99]. The market value is keep climbing in these years and estimated 

to reach up to 21 billion by the year 2018. The primary force behind which are driving 

this market is the technological advancement in high throughput, cell based screening 

assays for efficiently identifying drug compounds serving as channel modulators in drug 

discovery procedure. Over the years, various ion channel screening assays have been 

developed including fluorescence, automated patch clamp system, and atomic absorption 

spectrometry. However, instrumentation for the automated analysis of ion channels in 

primary cells (cardiac myocytes & neurons) and stem cells is still lacking. 

 Ion sensitive field effect transistor (ISFET) [100] has a number of characteristics 

making it suitable for developing a novel ion channel screening assay. Unlike fluorescent 

indicators, ISFETs provide a label free direct measurement of ion efflux and are not 

subject to imaging artifacts. Because the detection can be performed without consuming 

extra reagent for labeling, it also largely increases system’s durability. In contrast to 

atomic absorption spectrometry (AAS), ISFETs can be fabricated for studying a large 

variety of ion channels and provide real-time acquisition and analysis capability. Its 

miniature size and large scale integrative capacity also enable us to integrate an array of 

ISFET sensors on a single chip for simultaneous ion efflux measurement from different 

cell ion channels. Moreover, ISFET based instruments could be utilized for screening 

primary and stem cells which are not compatible with fluorescence and automated patch 

clamp systems. 
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 In this chapter, we presented the design and fabrication of a novel graphene based 

ion sensitive field effect transistor for real-time measuring K+ efflux from living cells. 

4.1.2. Ion sensitive field effect transistor: a brief review 

 ISFET, ion sensitive field effect transistor, was first introduced in 1970 by Dr. P. 

Bergveld from Spain [101]. It was initially developed and demonstrated for the 

measurement of ionic fluxes around a nerve [102] and later evolved into various related 

devices for other biological sensing applications. [103-107] Figure 4.2 (a) schematically 

illustrates the simplified device structure of a Silicon based ISFET. Similar to 

conventional field effect transistors (FETs) [108, 109], ISFET consist of three terminals 

called the “source (s)”, “drain (d)” and “gate (g)”. By controlling the gate voltage 

(electric field) via a reference electrode, we are able to control the channel conductance 

that is the current flow from drain to source electrode. For ion detection, the device is 

normally operated under a fixed electrical bias configuration as illustrated in Fig. 4.2 (b). 

A target ion concentration change in electrolyte instantaneously induces a surface 

 

 

Figure 4.2: (a) General device structure of an n-channel Si based ISFET sensor. (b) 
Electrical biasing scheme for the sensor operation.  
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potential change at solution/oxide interface, which is further converted and amplified to 

an output current signal change, thus achieving the ion detection. The ion selectivity of 

the sensor device is achieved by incorporating an ion selective membrane (ISM), with 

either inorganic [110, 111] or organic [112, 113] nature, into the gate of the FET. The membrane 

can be either an additional oxide layer deposited on top of the gate dielectric or a polymer 

membrane drop casted/spin coated. 

4.1.3. Limitations of state-of-the art Si based ISFET technology 

Although Si based ISFETs have been well developed and tested, it has its own 

performance limitations including 1) the relatively low mobility value of Si (~450 

cm2/Vs) adopted in the state-of-the art ISFET development limits its sensitivity to ion 

concentration change. Figure 4.3 shows the typical I-V characteristics of a silicon ISFET 

in response to pH value in electrolyte solution. In practical measurement, the device is 

biased at the linear region of its transfer characteristic curve with maximum slope. When 

ion (hydrogen H+ here) concentration changes in electrolyte solution, the threshold 

 
 
Figure 4.3: Current-voltage characteristics of a p-type Si ISFET in 
phosphate buffer solution with different pH values [114]. 
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voltage of the FET shifts and in turn induces an instantaneous current response (electrical 

sensing signal). The slope of the curve, which is the FET transconductance gm, 

determines the sensor sensitivity. Thus, the larger is carrier mobility of the selected 

material constructing the FET electrical conducting channel, the larger sensor response to 

ion concentration change will be; 2) Because of the poor stability of Si in aqueous 

solution, ISFET device normally require an additional oxide layer coated on top of the Si. 

This oxide layer boosts the stability of the device. However, over time this layer will trap 

ions in electrolyte that produce noisy interface thus degrade the sensing signal quality. 

To overcome these limitations, we considered choosing graphene as an alternative 

material to develop a novel ISFET sensor with better sensor performance. 

4.1.4. Graphene: an alternative material for biosensing applications 

 Graphene, recently discovered in 2004, has exceptional material properties [115] 

which are much superior compared to Si with respect to developing sensors for bio-

detection applications. The ultra high carrier mobility over 105 cm2/ V·s demonstrated for 

graphene at room temperature [116], is orders of magnitude better than that of Si (~450 

cm2/ V·s), which is commonly used for bio-electronic applications at present [117]. Higher 

carrier mobility of an ISFET directly translates to higher sensitivity for ionic detection. In 

addition, the excellent chemical stability of graphene [118] enables us to use it as a sensing 

material in direct contact with surrounding harsh biological environment without 

additional oxide layer like in Si case. A much lower sensing degradation from graphene 

based ISFET can be expected. Moreover, graphene also exhibit very low thermal and 1/f 

noise, which indicate better sensing resolution [119]. In terms of biocompatibility, we have 

demonstrated direct cell growth on CVD (chemical vapor deposition) derived graphene  
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Figure 4.4: Florescent image of H9C1 cardiac muscle cells growing on graphene thin 
film CVD synthesized in our lab. 

 
 
Figure 4.5: Optical image of the CVD system to be used for graphene synthesis in our 
lab. 
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thin film in our lab. As showed in the florescent image of Figure 4.4, H9C1 cardiac 

muscle cells were plated and growing well on the thin film, indicating very good 

biocompatibility of graphene. Finally, large scale graphene synthesis can be done 

inexpensively through chemical vapor deposition using a basic quartz tube furnace, as 

shown in Figure 4.5. All these properties are conducive for developing robust, low cost, 

and highly sensitive biosensors.  

 

4.2 Sensor design and fabrication 

4.2.1 Sensing mechanism 

 Similar to conventional silicon based ISFET, our graphene based ion sensor operates 

based on the change in electrical conductance of graphene thin film with the change in 

surrounding ion concentration. Figure 4.6 schematically illustrates the sensor structure 

and its operation principle. When graphene interacts with electrolyte solution, [120, 121] an 

electrical double layer will be formed at the graphene/solution interface (Fig. 4.6 (b)), 

which generates a potential drop between graphene and bulk solution. A change in 

surrounding ion concentration results in a change in the capacitance of the electrical 

double layer (CEDL). Under a fixed bias configuration as shown in Fig. 1 (a), the 

capacitance change causes a subsequent change in the surface potential of graphene thin 

film, which induces a detectable current change in the conducting channel between drain 

and source electrodes (Fig. 1 (c)). Thus the transduction from an analog signal (ion 

concentration change) to an electrical signal (current change) is achieved. 
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4.2.2 Device fabrication 

 In our sensor development, chemical vapor deposition (CVD) synthesized 

graphene on copper foil samples [122] were used to fabricate the graphene based ISFETs.  

The fabrication procedure is schematically illustrated in the flow chart of Figure 4.7, 

 
 
Figure 4.6: (a) Three dimensional schematic diagram of the graphene based ion sensitive 
field effect transistor (ISFET) including its bias configuration used in the electrical 
measurements. The ion sensor is inserted in an electrolyte solution (not shown in the 
figure) when it operates. (b) A schematic cross-section of the ISFET showing an 
electrical double layer forming at the graphene/solution interface. (c) Schematic 
illustrating real-time sensor amperometric response to ion concentration change 
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which involves three major steps: a) CVD synthesis of graphene; (b) graphene wet 

transfer; (c) ISFET sensor fabrication. Technical detail of each step is discussed in the 

following subsections. 

A. Chemical vapor deposition (CVD) of graphene on Cu foil 

 The graphene samples used in this dissertation was prepared (synthesized) via 

chemical vapor deposition in a home build quartz tube furnace (Fig. 4.5). The syntheses 

method was adopted from the earlier report [122] by A.K. Singh et al. 

B. Graphene wet transfer 

 To start the transfer process, the graphene layer on the back side of the sample 

was removed by oxygen plasma etching (RIE dry etching) , which is followed by spin 

coating two layers of polymethyl-methacrylate (PMMA), to protect the graphene film at 

the front side during the subsequent wet transfer process. Next, a 5 ~ 6 hours Cu wet 

 
 
Figure 4.7: Fabrication process flow chart of the graphene based ISFET. Inset of the 
figure shows the optical image of a representative graphene based ion sensor encapsulated 
using biocompatible epoxy glue. 
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etching was performed in concentrated FeCl3 solution, leaving only the PMMA/graphene 

bi-layer floating on the solution surface. After rinsing in deionized water and diluted 

H2O/HCl solution multiple times, the bi-layer was scooped out and placed on a SiO2/Si 

wafer substrate. The transferred sample was left for 24-hour air dry. Finally, acetone was 

used to dissolve and peel off the PMMA from the graphene surface, completing the 

transfer process. 

C. Fabrication of graphene based ion sensitive field effect transistor 

 To fabricate ISFET, Cr (55 nm)/Au (70 nm) bi-layer was patterned on the 

graphene transferred on SiO2/Si substrate via either shadow mask or standard 

photolithography technique, defining the drain/source contact electrodes. For the 

operation in an electrolyte environment, the wafer chip was mounted on a PCB board and 

wire bonded (not showed in the process flow chart here), after which a passivation layer 

utilizing either biocompatible epoxy glue or photoresist was deposited over the metal 

contact, SiO2/Si chip and bonding wires, leaving an opening window on the graphene as 

the active sensing area (conducting channel of the ISFET) to be in contact with 

electrolyte solution. The inset of Figure 4.7 shows the optical image of a fabricated 

graphene based ISFET encapsulated by epoxy glue. 

 

4.3 Sensor packaging 

4.3.1 ISFET encapsulation using epoxy 

 The epoxy used to encapsulate ISFET sensors in this study was purchased from 

Epoxy Technology Inc. It is a biocompatible adhesive specially designed for medical 

electronics including USP Class VI and/or ISO-10993 compliance [123]. In this study, for 
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the in-electrolyte solution chemical/biological sensing application, we evaluated the 

epoxy encapsulated ISFET sensors by electrical measurements and presented the 

experiment results in the following subsections. 

A. Evaluation of electrical passivation 

 As an electronic based sensor device intended for operation in electrolyte 

solution, one of the primary concerns in our ISFET design is the proper electrical 

passivation. The purpose of using epoxy for sensor encapsulation here is to prevent high 

leakage current [124] occurring during sensor operation in testing solutions with high 

dielectric constant k, e.g. DI water (k ~ 80) and other common physiological buffer 

solutions like saline, Tris-Cl etc. Small leakage current (background noise) is essential for 

stable and reliable field-effect sensing. [125] We examined this point by studying the I-V 

characteristics of the epoxy coated graphene ISFET in electrolyte/physiological buffer 

solutions and summarized the characterization results in Figure 4.8.  From the plot, we 

found that the current through the solution from the ISFET to the reference electrode (Igs) 

was 2 ~ 3 orders of magnitude lower than the drain to source current (Ids) in all the testing 

solutions. The small gate leakage current Igs indicates negligible background 

electrochemical reactions between the graphene film/metal contacts and the electrolyte, 

which ensures the measured current change in Ids mainly results from the conductance 

change in graphene channel not a spurious current. Based on the experiment results 

above, we concluded that the epoxy used here served well as a good electrical passivation 

material for our sensor packaging. 

 



 

 59

B. Chemical stability and Biocompatibility 

  In addition to electrical insulation, we also examined chemical stability and 

biocompatible of the epoxy coated ISFET. Recently, graphene as an alternative 

biosensing material to Silicon has been insensitively investigated for its biocompatible 

and chemical stability. We studied the sensor degradation of our epoxy coated graphene 

ISFET by immersing the device in the cell culture media and tracking its I-V 

characteristics over a 24-hour time period. Figure 4.9 shows the device I-V characteristics 

 
 
Figure 4.8: I-V characteristics of the epoxy encapsulated graphene ISFET in different 
testing solution from DI water, physiological buffer saline to cell culture media. Left 
axis: drain to source current Ids vs. solution-gated voltage Vtg Right axis: gate leakage 
current Igs. 
 



 

 60

in cell culture media taken at different time during the experiment.  We found the I-V 

curves of the epoxy coated ISFET shifted slightly towards negative direction over time 

but seems to become stable after 16 hours. The shift in Dirac voltage of graphene [116] 

(electrolyte-solution gated voltage Vtg where the current Ids reaches its minimum value) 

indicates carrier concentration modulation in the graphene conducting channel due to 

doping effect. This could be result from the adsorption of charged species in the media 

onto the graphene surface and consequent charge transfer between absorbents and 

graphene [126, 127].  More importantly, from the slope of the device transfer characteristics, 

we found the transconductance, i.e. ion sensitivity, of the ISFET remained almost the 

same over the 24-hour measurement time, which is essential for stable and reliable sensor 

performance. The results of the sensor degradation test above indicate good chemical 

stability of both graphene and the epoxy. 

 
 

Figure 4.9: Sensor degradation test in cell culture media. Transfer 
characteristics of the epoxy coated ISFET were measured at different time 
points within 24 hours.  
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 In addition to chemical stability, we also studied the biocompatible of the epoxy 

coated ISFET. By plating and culturing living cells (H9C1 cardiac muscle cells) directly 

on epoxy coated graphene (Figure. 4.10), we found cells are growing well not only on the 

graphene film (Fig. 4.10 c) but also at graphene/epoxy edges (Fig. 4.10 (a)), indicating 

excellent biocompatibility of both the CVD derived graphene and the epoxy glue. 

(a) (b) 

(c) 

 
 
Figure 4.10: (a) Optical image of an epoxy coated graphene ISFET with H9C1 cardiac 
muscle cells directly plated and cultured on its active sensing area (indicated by the 
red dash frame in the figure). (b) Zoom-in view of the active sensing area defined by 
the epoxy. (c) Florescent image of the H9C1 cells growing on the graphene film. 
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C. Effect of epoxy on the electric transport properties of graphene 

 Apart from its good electrical insulation, excellent chemical stability and 

biocompatible, we noticed that the epoxy used for the ISFET sensor packaging seems to 

have a significant effect on the electrical properties of the sensing material, graphene. We 

conducted systematic investigation and reported our experimental findings below. 

 In the preliminary study, we examined the I-V characteristics of a back-gated 

graphene ISFET before and after epoxy encapsulation in air. Figure 4.11 (a) illustrates 

the device structure with its DC biasing scheme for electrical measurement. In contrast to 

top gate configuration discussed in Section 4.2.1,  under back gate configuration [122], the 

channel conductance of graphene ISFET is modulated by the gate bias applied via a 

heavily doped Si substrate and SiO2 layer serves as the gate dielectric layer in between 

graphene film and the substrate. The measured transfer characteristics are given in Fig. 

4.11 (b). We observed a significant shift towards negative direction in device I-V curve 

with Dirac voltage shift of over 20 Volts. The shift in Dirac voltage indicates carrier 

concentration change in graphene film. Noticing the recent investigations reported on 

organic molecule doping of graphene [128, 129], we inferred that the carrier concentration 

change in graphene could be raised from the chemical doping from epoxy vapor to 

graphene film during epoxy curing process. However, as shown in the inset of Fig. 4.7, 

the interaction of epoxy with graphene not only occurs in ISFET conducting channel but 

might also at graphene/metal contact interfaces. To further investigate the effect of epoxy 

on the modulation of carrier concentration in graphene, we conducted separate 

experiments on epoxy free graphene FET devices as discussed below. 



 

 63

 

 

 

 

 

 

 

 

 

 

 

 

 

 

  

 

 

Figure 4.11: (a) Electrical biasing scheme of a back gate configured graphene 

ISFET. (b) Device transfer characteristics before and after epoxy encapsulation.  

(a) 

(b) 
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 Figure 4.12 (a) shows the experiment setup. CVD derived graphene on Cu sample 

was transferred to a SiO2/Si wafer chip (300 nm/ 500 µm) by the wet-etching method 

described before. Standard photolithography method was used to define the drain and 

source electrodes of the graphene FET. The chip was later mounted on a PCB board and 

wire bonded for electrical connection. Conductive Silver paste (SPI Supplies, Inc.) was 

used to make electrical connection between the Si substrate and the Cu pad underneath 

the chip, which serves as the gate electrode here. To begin with, we grounded both gate 

and source electrodes and applied a constant DC bias (1 V) across the drain and source 

electrodes. After a relative stable current level (Ids) was reached, we deposit a small 

droplet of the epoxy glue on the graphene film but 2 ~ 3 mm away from the conducting 

channel (L = 1 mm and W = 4.5 mm). Upon the epoxy deposition, we observed a 

significant time-dependent current decrease as shown in Fig.4.12 (b). In addition, from 

the device I-V characteristics (inset of the figure) measured at different time points 

during the experiment, we found that the I-V curves were left shifted over time. 

Interestingly, the slope of the transfer characteristics of the graphene FET, which 

indicates the carrier mobility [122], seemed not being affected much by the epoxy 

deposition. To further understand, the time dependent effect of epoxy on the electric 

transport properties of graphene. We calculated the channel conductance (G), carrier 

mobility (μFET) and concentration (p) based on the measured transfer characteristics (at 

Vds = 1 V and Vbg = 0 V) and listed them in Table 1. We found upon epoxy deposition, 

the field effect mobility of hole carriers increased, but its concentration decreased over 

time, which indicates n-type doping occurring in the graphene film. Since both the carrier 

mobility and concentration enter linearly into the graphene conductance. The current   
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Figure 4.12: (a): Optical image of the experimental setup for the epoxy effect study. 
A droplet of uncured epoxy was deposited on the graphene 2~3 mm away from the 
conducting channel of a back gated graphene FET. (b): Time dependent current 
change upon epoxy deposition. Inset shows the device I-V characteristics taken at 
different time instants, Mx, during the temporal current measurement. 
 

(a) 

(b) 
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change observed from the time dependent measurement was dominated by the 

modulation of carrier concentration under the effect of epoxy. 

 To further understand how the epoxy/graphene interaction affects the carrier 

concentration in graphene film and prove our hypothesis of epoxy vapor doping of 

graphene, we studied the effect of epoxy on back gated graphene FETs with smaller 

dimensions of L x W = 200 μm x 100 μm and L x W = 5 μm x 3 μm, respectively.  To 

begin with, we deposited a droplet of epoxy on top of a microscopy cover glass and 

positioned the cover glass close to the devices under test in air. After 24-hour epoxy 

exposure, we measured the I-V characteristics of the graphene devices. We found 

significant negative shift (> 20 V) in I-V curves of the measured devices (n = 3). Figure 

4.13 gives the transfer characteristics of a representative graphene back-gated FET before 

and after epoxy exposure (the red and the blue curves plotted in the figure, respectively). 

We found that the Dirac voltage of graphene shifted over 60 Volts. It is also worth to note 

that under the effect of the epoxy, the doping type of graphene changed from heavily 

doped P type (Vdirac > 60 V before exposure) to slightly doped n type (Vdirac ~ -4 V after 

exposure). The experiment results above further support our argument of possible 

chemical doping of graphene by epoxy vapor. To eliminate possible long-term influence 

Table 4.1: Electric transport parameters of graphene under the influence of epoxy. 
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of environmental factors in air (e.g. temperature, moisture and other gaseous species) on 

graphene, we positioned the wafer chip close to the liquid surface of bulk epoxy curing 

agent for 5 mins and measured the I-V characteristic of the same device (as plotted by the 

blue green curve in Fig. 4.13). As expected, the I-V curve shifted further to the negative 

direction, but surprisingly with the Dirac point shift of ~ 60 V in just 5 mins exposure 

time.  From the material safety data sheet (MSDS) [130] of the epoxy released by Epoxy 

technology, Inc., we noticed that the curing agent consists of several organic ingredients 

including 2,2,4-Trimethyl, 6-hexanediamine (C9H22N2).   

 Based on the investigation conducted so far, we concluded that the epoxy used for 

ISFET encapsulation here has a strong n-type doing effect on graphene, which might be 

 
 
Figure 4.13: I-V characteristics of a back-gated graphene FET (L x W = 
200 μm x 100 μm) before and after epoxy/epoxy curing agent exposure.  
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result from the organic ingredients (e.g. C9H22N2) in its curing agent. The experiment 

findings might lead to a new approach of organic molecule doping of graphene. On the 

other hand, epoxy might also change the contact resistance between graphene and metal 

electrodes, which results in transconductance degradation of the epoxy coated ISFETs as 

observed in Fig. 4.11 

 

4.3.2 ISFET encapsulation using photoresist  

 As the encapsulation material for our ISFET sensor, epoxy has been proved to be 

a good electrical passivation material with properties of good chemical stability and 

excellent biocompatibility. However, electrical measurements conducted with epoxy 

encapsulated graphene ISFET have revealed that epoxy has significant effect on the 

electrical transport properties of graphene and more importantly the transconductance of 

the ISFET, which directly determines the sensitivity of the ion sensor, degrades during 

sensor encapsulation. On the other side, because of scalability issue with graphene [131], 

further device miniaturization on graphene ISFET is needed for better electronic 

performance (much higher carrier mobility), thus optimized sensor performance (e.g. ion 

sensitivity). Smaller device dimension will also allow us to realize high pixel integration 

of an array of ISFETs on a single wafer chip to detect different ions in biological system 

or use the ISFET sensor in other biomedical applications including bio-implantable 

devices. Because of its intrinsic material property, epoxy is not process-compatible with 

the state-of-art micro/nano-lithography techniques. With the epoxy glue, we are not able 

to pattern the active area in graphene with well controlled dimensions. Thus we 

considered to use alternative material for the sensor encapsulation.  
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 Of the biocompatible material for sensor packaging applications,  epoxy based 

photoresist, e.g. SU-8 [132, 133], has emerged as the material of choice for biosensor 

development due to its well-known biocompatibility, high stability to chemical and 

radiation damage, easy to process wafer-level capability and low cost. To prove the 

feasibility of using photoresist for our ISFET packaging, we used positive photoresist 

(PR), S1811 as an alternative encapsulation material to the commercial epoxy glue in the 

preliminary study. Figure 4.14 shows the optical image of three parallel ISFETs 

fabricated on a single graphene film using photoresist for the sensor encapsulation.   
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Figure 4.14: Optical image of an array of three ISFETs fabricated on a single 
graphene film. Photoresist, S1811 was used to passivate the drain/source 
electrodes. The metal contacts and the active sensing areas on graphene with 
channel L ~ 0.45 mm and W ~ 2 mm were defined by standard 
photolithography. 

A C 

A: Graphene 

B: PR S1811 

C: D/S metal contacts 

250 μm 
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CHAPTER 5 

ELECTRICAL CHARACTERIZATION OF ION SENSITIVE FIELD EFFECT 

TRANSISTOR  

 

5.1 I-V and C-V characterization of graphene ISFET 

5.1.1. I-V characteristics in electrolyte solution 

 With the fabricated prototype devices, we systematically studied their I-V and C-

V characteristics respectively in electrolyte solution. The experimental setup is 

schematically illustrated in Figure 5.1. In I-V measurement, DC bias of Vds and Vgs were 

supplied by a precision source/measurement unit (SMU, Agilent B2900A). Ids and Igs 

(current flowing from source to drain and from gate to source electrodes) were 

 
 
Figure 5.1: Schematic diagram of the experimental setup for sensor 
electrical (I-V and C-V) characterization. 
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simultaneously measured. In C-V measurement, an AC signal with excitation amplitude 

of 50 mV at a frequency of 500 Hz was superimposed to the DC bias Vtg. The drain and 

source electrodes were shorted to ground. The capacitance was measured by the out of 

phase components of the detected current (Igs) with a LCR meter (Agilent 4284A). By 

varying the K+ ion concentration from 0 µM to 1 mM in deionized water (DI), we 

obtained a series of left-shifted I-V curves from a representative epoxy coated graphene 

ISFET, as plotted in Figure 4.2 (a). The Ids-Vtg curves measured all show a “V” shaped p- 

to n-type transition and the dip in the “V” corresponds to a minimum conductivity of 

~4e2/h at the Dirac point (ED). [134] By comparing the slope of the transfer characteristics 

of the ISFET measured in air and electrolyte solution, we found the transconductance of 

the solution-gated graphene FET (~ 33 μS) is over 100-fold larger than that in air (~0.3 

μS). The transconductance enhancement can be mainly attributed to the high mobility of 

charge carriers in graphene and the large interfacial capacitance at the graphene/solution 

interface [135], which will be discussed later in the section. 

 In addition, Figure 5.2 (a) shows a clear K ion concentration dependence of the 

ISFET transfer characteristics. The transfer curves shifted toward the negative direction 

of the electrolyte-gate voltage (Vtg) with increasing K+ ion concentration, indicating that 

the prototype graphene ISFET detected K+ ion in DI water. By biasing the device at a 

fixed Vtg, we extracted the corresponding Ids with different K+ ion concentration and 

plotted in Figure 5.3 (b). As expected, the drain-source current Ids has a linear relationship 

with the K+ ion concentration on a semilogarithmic scale. The sensitivity of the sensor 

was estimated to be 1 µA/decade from the slope of the linear fit. 
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5.1.2. C-V characteristics in electrolyte solution 

 In addition to I-V characterization, we also performed device C-V 

characterization in electrolyte solution. In C-V measurement, an ac signal with excitation 

amplitude of 50 mV at a frequency of 500 Hz was superimposed to the DC bias Vtg. The 

drain and source electrodes was shorted to ground. The capacitance was measured by the 

out-of-phase components of detected current. By sweeping Vtg from -0.8 to +0.8 V, we 

obtained a series of up shifted C-V curves with different K+ ion concentration (as showed 

in Figure 5.3 (a)). Similar to the I-V measurement, by biasing the device at a fixed Vtg 

(e.g. Vtg = 0.6 V), we obtained the measured capacitance values with different K+ ion 

concentration and plotted in Figure 5.3 (b). Interestingly, the measured capacitance of the 

ISFET shows a linear dependence on K+ ion concentration like what was observed for the 

measured current, Ids. 

(a) (b) 

  

Figure 5.2: (a) I-V characteristics of an epoxy coated graphene ISFET in DI water with 

different K+ ion concentration. In the measurement, Vds was set to be constant 0.5 V 

and Vtg (solution-gated voltage) was swept from 0 to 0.3 V via a Ag/AgCl reference 

electrode (Bioanalytical System, Inc.) immersed in the solution. (b) Drain-source 

current Ids as a function of K+ ion concentration, at Vtg = 0.05 V.  
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Figure 5.3: (a) Device C-V characteristics in DI water with different KCl concentration. 
(b) Measured capacitance as a function of K+ ion concentration, at Vtg = 0.6 Volts. 

(b) (a) 

  

Figure 5.4: (a): Time dependent capacitance measurements with varying K+ 
concentration from 0 μM to 1 mM in DI water. Two measurement cycles were 
performed with different steps in K+ concentration change. (b): Sensor response to 5 
uM KCl (red curve) along with a control test without KCl (blue curve).  
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 To demonstrate our graphene based ISFET has the capability of real-time 

detecting K+ concentration change in electrolyte solution, we operated the ISFET in  its 

capacitive-mode at a fixed DC operating  point, i.e. Vds = 0.5 V and Vtg = 0.6 V.  By 

sequentially introducing different volume of concentrated KCl solution into DI water, we 

were able to alter the K+ ion concentration in the testing solution. Figure 5.4 (a) shows 

the time dependent sensor response to K+ ion concentration change from 0 μM to 1 mM. 

As expected, the measured capacitance increased with higher K+ concentration. 

Moreover, the ISFET sensor also shows very good sensing repeatability in multiple 

measurement cycles with different steps in K+ concentration change. To determine the 

sensor resolution, we also did a control test by introducing K+ free control solvent (DI 

water here) into the testing solution. The results (plotted in Figure 5.4 (b)) clearly indicate 

our ISFET sensor is able to detect K+ ion concentration change down to 5 μM in DI 

water. 

  To further identify the measured capacitive components in the device C-V 

characterization discussed above, we analyzed the equivalent electrical circuit involved in 

the measurement.  As illustrated in Figure 5.5, at a fixed electrolyte solution-gate voltage 

Vtg, two electrical double layers are formed at the interface between reference 

electrode/solution and graphene/solution, respectively. [120, 121] In addition to these two 

capacitive components, the quantum capacitance of graphene also exists in the circuit and 

is in series connection with the two double layer capacitances. Along with the capacitive 

components, there are also resistive components contributed by the bulk solution and 

graphene. Since LCR meter measures the out of phase components of detected current, 

the measured impedance only consists of the capacitive components of CEDL1, CEDL2 and 



 

 75

CQ, respectively. The two series connected capacitance CEDL2 and CQ constitutes the so 

called solution/graphene interfacial capacitance (Cinterfacial), which acts as the gate 

capacitance of the graphene ISFET. 

  

 

 

 

 

 

 

 

 

 

 

 

 To extract Cinterfacial from the capacitance measured by the LCR meter, we 

measured the electrical double layer capacitance at the reference electrode/solution 

interface (CEDL1). In the measurement, we substituted the graphene ISFET with another 

identical Ag/AgCl reference electrode and repeated the C-V measurement with the same 

experiment condition as discussed earlier (1st paragraph, Section 4.1.2, page 3). The 

 
 

Figure 5.5: Schematic diagram of a graphene ISFET under C-V characterization in 
KCl electrolyte together with the equivalent electrical circuit describing its operation 

[120, 121]. In the circuit, CEDL1 and CEDL2 represent electrical double layer capacitance 
formed at reference electrode (RE)/electrolyte and graphene/electrolyte interfaces, 
respectively. RBULK and Rgr correspond to the electrical resistance of bulk salt 
solution and graphene thin film, respectively. 
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measured CEDL1 and the calculated Cinterfacial with different K+ ion concentration are 

plotted in Figure 5.6 (a) and (b), respectively.  

 

 

 

 

 

 

 

 

 

 

5.1.3. Sensitivity saturation in physiological (buffer) solution 

 In addition to characterizing the graphene based ISFETs in DI (deionized) water, 

we also studied the sensor response to K+ ions in physiological buffer solutions (e.g. 

saline and N-methyl D-glucamine (NMG)), which offer suitable environment for cell 

growth and living. Figure 5.7 shows the K+ sensing response of the graphene ISFET in 

NMG solution. We observed slight left shift of the I-V curves and much smaller current 

change at fixed Vtg as opposed to the sensor behavior in DI water (Fig. 5.2 (a)). The K+ 

sensitivity seems to be saturated by other interference charges (e.g. Na+, Ca+, etc.) 

existing in the solutions. To achieve selective K+ sensing in physiological buffer solution, 

we coated the graphene surface with a valinomycin/polymer membrane. The fabrication 

in DI 

 
 

(a) (b) 

0 μM 

100 μM 

500 μM 

1 mM 

0 μM 

100 μM 

500 μM 

1 mM 

Figure 5.6: C-V characteristics at (a) reference electrode/solution interface (CEDL1) and 
(b) graphene/solution interface (Cinterfacial) in DI water with different KCL concentration. 
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and characterization of the surface modified graphene ISFET are discussed in the 

following section. 

 

 

 

 

 

 

 

 

 

 

 

 

 

5.2 Ionophore modified graphene ISFET 

5.2.1 Sensing mechanism 

 Figure 5.8 (a) shows the device structure of surface modified graphene ISFET 

with a valinomycin/polymer based K+ ion selective membrane (ISM) incorporated into 

the gate of the FET. Valinomycin (C54H90N6O18) is a K+ ionophore with a doughnut-like 

structure [136, 137] (as illustrated in Fig. 5.8 (b)). Because of its unique shape and size, it has 

a high affinity for K+ relative to other alkali metal ions like Ca2+ and Na+. Similar to the 

case of valinomycin modified Si nanowire FET [138], when interfacing with electrolyte 

 
 
Figure 5.7: Sensor response to K+ concentration change in physiological 
buffer solution (NMG + 1 mM CaCl2

 here). 
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solution, ideally valinomycin only selectively traps K+ ion from the solution and forms 

valinomycin-K+ complex, which further diffuses to the vicinity of graphene surface (as 

illustrated in Figure 5.9). The electrical field exerted from the captured K+ ions affects the 

conductivity of graphene channel and thus induces an electrical sensing signal. 

  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 
Figure 5.9 Schematic showing valinomycin ISM selectively passing K+ ion to the 
vicinity of graphene surface. 

 
 
Figure 5.8 (a) Device structure of a valinomycin/polymer modified graphene ISFET 
(cross section view). (b) Molecule model of valinomycin.  

 

(a) (b) 
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5.2.2 Device fabrication 

 The K+ ISM was prepared [139] by dissolving 4 mg valinomycin (VAL), 0.55 mg 

potassium tetrakis (4-cholorophenyl) borate, 195 mg acrylic matrix (made of methyl 

methacrylate (MMA) and n butlyacrylate (nBA) monomers in proportion of 1:10 [140]) in 

2.0 ml of dichloromethane [141]. To coat the graphene FETs, VAL-polymer membrane 

was spin coated on top of the active sensing area of the devices (Fig. 5.8(a)) and air-

dried. The optical image of Figure 5.10 shows a typical K+ ISM coated graphene ISFET. 

A 60s spinning at 5000 rpm results in a membrane thickness of about ~ 4 μm measured 

with a profilometer. By controlling the spin coating parameters, we should be able to 

adjust the thickness and the composition of the membrane for optimized sensor 

performance. It is one part of the future investigation in our bio-FET development. 

 

 

 

 

 

 

 

 

 

5.2.3 I-V characteristics in electrolyte solution  

 We studied the K+ sensing response of the graphene ISFET before and after ISM 

coating in DI water (plotted in Figure 5.11 (a) and (b)) and compared its sensor 

 
Figure 5.10: Optical image of a representative valinomycin/polymer modified graphene 
ISFET with a magnified zoom-in view on its active sensing area. 
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performance in terms of relative Dirac point shift and current change (Fig. 5.11 (c) and 

(d)). From the results, we found that the ISM coating boosted the device sensitivity to K+ 

ion concentration change in DI water.  

 In addition to sensitivity, the K+ ion selectivity of the sensor device has also been 

studied in DI water in the presence of interference alkali ions of Na+ and Ca2+. From the 

results (plotted in Figure 5.12 (a) and (b)), we observed that the sensor did not show any 

noticeable response to Na+ ions. It did show response to Ca2+ ions but with much less  

 
 
Figure 5.11: (a) and (b): Sensor response to K+ ion concentration change in DI water 
before and after ISM coating. (c) and (d): Device sensitivity comparison before and 
after ISM coating in terms of relative Dirac voltage shift and current change.  
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Figure 5.12 (a) and (b): Sensor response to K+ ion concentration change in DI water in 

the presence of Na and Ca ions. Increasing concentration of NaCl/CaCl2 was first added 

to the solution followed by KCl from 50 µM to 1 mM. 
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sensitivity as compared to K+ ions. In the physiological buffer solution of N-methyl-d-

glucamine (NMG), the sensor device showed noticeable K+ response after ISM coating 

(Figure 5.13) as opposed to non-response before coating (the inset of Fig. 5.13).  So far, 

we have demonstrated a prototype graphene based ion sensor, which shows promising K+ 

selective sensing property in electrolyte solution. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 
Figure 5.13: Sensor response to K+ ion concentration change in NMG 
physiological buffer solution with and without ISM coating. 
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5.3 Time dependent K+ ion detection 

5.3.1 K+ ion sensing using bulk Ag/AgCl reference electrode 

 To prove the feasibility of using our graphene based ISFET for cell based real-

time K+ efflux detection, we studied the time dependent K+ sensing response of the ISM 

coated graphene ISFET in both DI water and physiological buffer solution saline.  

 To start with, we first performed K+ ion sensing experiment in a glass beaker, 

filled up with ~23 ml of DI water, using the bulk, commercial Ag/AgCl reference 

electrode (Bioanalytical System, Inc.). Right before the time dependent measurement, the 

I-V characteristic of the sensor device was obtained (Figure 5.14 (a)), which serves as a 

reference for us to find the optimal DC operating point with highest transconductance 

(maximum K+ ion sensitivity). From the measured transfer characteristic of the graphene 

ISFET, we determined the biasing point to be 0.5 V and 0.65 V for the drain to source 

voltage (Vds) and solution-gated voltage (Vtg) respectively, which corresponds to the 

highest transconductance achievable with the FET device under test.  To calibrate the 

graphene ISFET, we increased the K+ ion concentration in the beaker by introducing 

different volume of concentrated KCl solution into the DI water, using a micropipette 

(Bio-Rad Laboratories). Figure 5.14 (b) gives the measured time-dependent current 

change with varying K+ ion concentration. As expected, the current decreased with 

increasing K+ ion concentration in the solution. In addition, we also found the measured 

current has a linear relationship with K+ concentration (inset of Fig. 5.14 (b)). The slope 

of linear fit, which represents the ISFET sensviity, was estimated to be ~25 uA/decade, 

which is much larger than the value of 1 uA/decade achieved with bare graphene ISFET 

without valinomycin/polymer ISM coating. 
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Figure 5.14: (a) Transfer characteristic of the ISM coated graphene ISFET 
measured in DI using bulk Ag/AgCl reference electrode. (b) Time dependent 
sensor response to K+ concentration change in DI water. Inset of the figure plots 
the measurement Ids as a function of K+ concentration. 

(a) 

(b) 
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 Adopting the same experiment procedure above, we conducted the time 

dependent K+ ion sensing experiment in the physiological solution, K+-free saline 

(containing 140 mM NaCl) and plotted the results in Figure 5.15. Like in DI case, the 

measured current Ids decreased with increasing K+ ion concentration. The inset of the 

figure plotted Ids as a function of K+ ion concentration, which shows a linear sensor 

response to K+ ions as expected. The sensitivity was determined to be ~ 23 µA/decade, 

which is close to the value measured in DI case (~ 25 µA/decade). The consistency of 

sensor performance (i.e. K+ sensitivity here) in both DI and saline solution indicates that 

the valinomycin/polymer membrane serves well as a buffer layer, which efficiently 

blocked interference ionic charges other than K+ ions in the testing solution.  

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 5.15: Time dependent sensor response to K+ concentration change 
in K+ free saline solution. Inset of the figure plots the measurement Ids as 
a function of K+ concentration. 
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5.3.2 K+ sensing using salt bridge configuration 

 In addition to characterize our graphene ISFET in bulk (~ 25 ml) testing solution, 

we also performed on-chip K+ sensing experiment with small droplet  of solution (100 ~ 

200 µl) using a salt bridge configuration, which allows us to have a better sensing 

resolution later in the cell based K+ efflux measurement described in Section 4.3.3. 

 Figure 5.16 shows the experiment setup. A small droplet of the testing solution 

(100 to 200 µL DI water/K+-free saline) was placed on top of the ISFET active sensing 

area by micropipette. To accommodate the Ag/AgCl reference electrode in the solution 

droplet, we substituted the conventional bulk reference electrode (~6 mm in diameter) 

with a salt bridge configuration. As illustrated in the optical image, one end of the salt 

bridge (~ 1 mm in diameter) was immersed in the testing solution and the other end in a 

plastic chamber having a Ag/AgCl pellet mounted on its side wall. The chamber was 

filled up with the same testing solution as on top of the senor. By applying a DC bias on 

 
 

Figure 5.16: Optical image of the experiment setup for the ISFET sensor 
characterization using salt bridge configuration. 
 

Chamber with 

Ag/AgCl pellet 
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the Ag/AgCl pellet, we are able to control the potential of the testing solution via the salt 

bridge. Figure 5.17 (a) shows us the ISFET I-V characterization result measured in 200 

µL DI water with 100 µM KCl using the salt bridge configuration, which is quite similar 

to the device I-V characteristics (Fig. 5.14 (a)) obtained using the bulk referent electrode. 

In addition, we also measured the time dependent sensor response to varying K+ 

concentration in both DI and K+ free saline solution and plotted the results in Fig. 5.17 

(b)  and (c), respectively.  

  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 

 

Figure 5.17: ISFET I-V characteristic measured in a 200 μl droplet of DI water with 100 
uM KCl using the salt bridge configuration. (b) and (c) The time dependent sensor 
response to varying K concentration in 200 μl DI/K+ free saline solution 

(a) 

(c) 

(b) 
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From the experiment results above, we concluded that the salt bridge configuration works 

well as a substitution to conventional bulk reference electrode probe The new experiment 

set up enables us to conduct the real-time K+ sensing experiment in a testing solution of 

much smaller volume (µL scale) than in bulk solution (mL scale). 

  

5.4 Cell based real-time K+ efflux measurement 

5.4.1 Measurement using Si based ISFET 

 Utilizing the state-of-art commercial Si ISFET probes, we conducted the real-time 

measurement of K+ efflux from living cells cultured in single and multi-well plates and 

reported the experiment results in our recent publication [5], which is briefly discussed in 

the following sections. 

A. Experimental methodology 

 The experiment set-up is shown in Figure 5.18 (a). An array of K+-sensitive 

silicon-based ISFET probes were inserted in multi-well culturing plates with living cells 

(Human colonic T84 epithelial cells). The ISFET sensors (Fig. 5.18 (b)) were obtained 

from D+T Microelectronica (Spain). The gate of the ISFETs was coated with a polymeric 

membrane containing the K+ ionophore valinomycin giving the probes K+-sensitivity. T 

84 cells were obtained from ATCC. Details regarding cell culture and plating can be 

found in our recent report.[5]  To obtain electrical sensing signal from the probes, each 

sensor was connected to an interface circuit (as shown in Fig. 5.18 (c)) consisting of a 

voltage follower, a current source and a low-pass filter. It was determined during initial 

testing that the ISFETs have a 1.2 dB signal-to-noise ratio (SNR) near the end of their 

rated usable life. High frequency noise was removed using the low-pass 1 Hz 2nd order 
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butterwort filter to achieve an SNR of 34 dB on the same sensors. This effectively 

increased the usable life of the ISFETs for the K+ measurements. The interface was 

placed in an array on a PCB board to reduce noise and simplify measurements. Data was 

logged using a data acquisition unit (DAQ) (Agilent 34972 A). During ISFET calibration 

and real-time K+ efflux measurement, the interface supply voltage (Agilent E3649A) was 

adjusted while observing the DAQ. The voltage used in the experiments was the highest 

allowable that did not produce signal oscillations. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 

Figure 5.18 (a): Schematic of the measurement setup with multiple parallel 
ISFET probes along with the DAQ and recording equipment.  (b): Optical 
image of a commercial silicon ISFET probe (D + T Microelectronica, Spain). 
(c) PCB boards contained an array of ISFET interface circuitries consisting of 
voltage follow, current source and low-pass filter. 

 

(a) 

(b) (c) 
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 As illustrated in Figure 5.19, when a certain drug compound served as ion channel 

modulator (e.g. A23187 here) is added to one of the culturing plates, it induces Ca2+-

activated non-selective cation (NSC) channel opening on the cell membranes, thus 

resulting in an increase in K+ efflux from the living cells. By positioning the ISFET 

sensor close to the cells in physiological solution (K+-free saline here), extracellular K+ 

ion concentration change can be real time probed.  

 Different drug compounds served as ion channel modulators can be added to an 

array of culturing wells and drug induced K+ efflux from living cells will be 

simultaneously measured and recorded from each well, thus achieving a prototype ISFET 

based ion channel screening assay for drug discovery. 

 

 

   

 

 

 

 

 

 

 

 

 

 

 
 

Figure 5.19: Illustration of real time K+ efflux measurement using ISFET probe 

in a single well plate [5]. Addition of A23187, a cell ion channel modulator, 

induces the opening of the non-selective NSC channel, resulting K+ efflux from 

the cells. The in-situ extracellular K+ concentration change is real-time 

transduced by an ISFET probe to an electrical signal which is recorded by a 

computer. 
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B. Sensing results and discussion 

 The cell based sensing results are showed in Figure 5.20. Immediately prior to 

each K+ efflux measurement experiment, a K+ concentration (µM) versus ISFET (mV) 

calibration curve was obtained. This was measured by adding increasing concentrations 

of KCl to a chamber (without cells) containing K+-free saline. Over the concentration 

range of 20 µM – 200 μM (the typical range of K+ efflux measured from T84 cells used 

in this study[41]), the calibration curve displayed a linear relationship as showed in Figure 

5.20 (a). The applicability of ISFET for real-time measuring K+ efflux from ion channel 

(the Ca2+ - activated NSC channels in T84 cells here) was evaluated in Figure 5.20 (b) 

with single cell culture well format and (c) with multi-well format, respectively. Each 

figure plots the K+ ion concentration, calculated from the calibration curve (Fig. 5.20 (a)), 

real time measured from single/multiple chambers containing T84 cells. By dosing the 

cells with the drug compound A23187 to open the NSC channels, we observed an time-

dependent increase of extracellular K+ ion concentration with the ISFET probe (blue 

curve in Fig. 5.20 (b)) as compared to quite stable efflux level measured from cells 

without the drug treatment in the control test (red curve in the figure). Figure 5.20 (c) 

shows us the time-dependent K+ efflux measurement simultaneously taken from three 

culture wells. Upon dosing the drug, we observed an increase in extracellular K+ ion 

concentration from all the three wells, as we observed in the case of single culture well, 

proving the concept of ISFET based ion channel screening assay.   
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(c) 

Figure 5.20: (a) K+ sensing calibration curve of a representative Si ISFET probe 
measured in 140 mM NaCl saline solution. (b): K+ efflux from T84 epithelial cells real 
time recorded with an ISFET in a single culture well. Blue curve represents the K+ 
efflux from cells treated with the drug compound A23187. Drug was added following 
the basal efflux measurement (see arrow). Red curve shows K+ efflux measured in 
control test without the drug treatment. (c): K+ efflux measured in parallel from three 
recording chambers containing T84 cells with the drug treatment.   
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5.4.2 Measurement using valinomycin modified graphene ISFET 

 So far we have successfully demonstrated the feasibility of using commercial Si 

based ISFET for K+ efflux measurement from living cells. We further evaluated our 

prototype graphene based ISFET for the same application propose.  

A. Measurement setup 

 As to obtain a larger K+ ion concentration change in the testing solution due to K+ efflux 

released from the living cells (T84 cells here), we placed a small droplet of the testing 

solution (100 to 200 µL K+-free saline) on top of the ISFET sensor instead of inserting 

the device in the mL bulk solution as we did with the commercial Si ISFET. To 

accommodate the Ag/AgCl reference electrode in the solution droplet, we substituted the 

bulk reference electrode probe with a salt bridge configuration as shown in Fig. 5.16, 

Section 4.3.2. One end of the salt bridge was immersed in the saline solution and the 

other end in a plastic chamber filled up with the same solution and having a Ag/AgCl 

pellet mounted on its side wall. By applying a DC bias on the Ag/AgCl pellet, we are 

able to control the potential of the testing solution via the salt bridge. Prior to the K+ 

efflux measurement, we calibrated the graphene ISFET in both DI water and K+-free 

solution using the salt bridge configuration described above. Concentrated KCl solution 

with different volume was sequentially added to the solution droplet of 200 µL using a 

micropipette. K+ ion concentration change in the solution was real-time probed by the 

ISFET sensor. 

 To measure the real time-K+ efflux from living cells, we placed a piece of cover 

glass on top of the solution droplet (K+-free saline) with its top surface facing to the 

solution, where T84 cells were growing on. Right before the K+ efflux measurement, we 
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first measured the I-V characteristics of the ISFET device in the testing solution without 

living cells (Figure 5.21 (a)). Afterwards, a fixed DC bias of 0.5 Volts was applied 

between the source and drain electrodes and solution-gated voltage (Vtg) was adjusted to 

modulate the graphene channel conductance so that desired operating point was set for 

maximum detection sensitivity.  

 

B. Sensing results and discussion 

 Figure 5.21 (b) shows the measured time-dependent current change during the 

cell-based experiment. Upon the placement of cover glass with living cells (point A in the 

plot), current Ids gradually decreased. At point B, drug compound A23187 was added to 

the testing solution. A plateau appeared followed by continuous current decrease with a 

slight steeper slope. Using the calibration results obtained in K+ free saline (Figure 5.17 

(c)), we calculated the corresponding K+ concentration (K+ efflux) real-time probed by 

the graphene ISFET and plotted it as a function of time. As shown in Figure 5.21 (c), 

before dosing the drug at point B, a small increase (~ 1 µM) in extracellular K+ ion 

concentration was detected, this might result from K+ efflux spontaneously leaked via the 

cell ion channels. However, after dosing the drug, we observed a much larger K+ ion 

concentration increase (~ 13 µM) and the slope of the measurement curve gradually 

increased, which are consistent with the sensing results obtained using the commercial Si 

based ISFETs (Fig. 5.20) The observed increase in K+ ion concentration could be 

attributed to the effect of the drug, A23187, which opened the non-selective NSC channel 

of T84 cells and resulted in enhanced K+ efflux from the cells. 
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Device operating point for 

maximum K+ sensitivity 

In K+ free saline 

X 

Figure 5.21 (a): I-V characteristic of the ISFET in K+ free saline measured right before 
the cell-based K+ efflux measurement. DC operating point for maximum sensor 
sensitivity was noted by the blue cross mark on the I-V curve. (b) Time dependent 
current change measured during the cell based experiment. Point A: Cover glass with 
T84 cells growing on was physically placed on top of solution surface. Point B: Drug 
compound, A23187 was dosed into the testing solution. (c) Extracellular K+ ion 
concentration change real time recorded with the graphene ISFET. The blue dotted lines 
indicate the slope change in K+ concentration increase before and after dosing the drug 
compound, A23187. 
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B: Drug dosed 
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CHAPTER 6 

CONCLUSION AND FUTURE DIRECTIONS  

 

 In this dissertation, we studied three types of sensing technologies for applications 

in human physiological monitoring, which includes pressure, oxygen and ion detection. 

Three general types of thin film based sensors have been designed, fabricated and 

characterized. The following section summaries the major contributions in each sensor 

development. 

 

6.1 Major contributions of this work 

6.1.1 Thin film based biocompatible pressure sensor 

 In the pressure sensor development, a simple yet highly sensitive pressure sensor 

based on Au film resistor patterned on the PDMS thin membrane has been designed, 

fabricated and characterized. The sensor was extensively modeled through COMSOL-

based finite element simulations for design and performance prediction. Three prototype 

sensors fabricated with different membrane thickness of 50, 100 and 200 µm were 

studied. Very high constant sensitivities of 0.1 /Kpa, 0.056 /Kpa and 0.012 /Kpa, 

respectively, were observed over their effective measurement ranges. The high 

sensitivities are attributed to the formation of microcracks in Au film resistor when the 

sensors are subjected to pressure. Interestingly, the formation of microcracks seemed to 
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be quite reversible within certain pressure range. In addition, the correlation of sensitivity 

and effective sensing range with membrane thickness was studied for the three sensors. It 

was found that the device sensitivity increased with the decrease in membrane thickness 

but at the expense of its effective sensing range. This observation corresponds well to the 

simulation results. Response times of all the three sensors were found to be in 

millisecond range, and the best rms noise limited resolution was 0.07 mmHg (9 Pa). 

The very high sensitivity coupled with simple device construction, ease of 

fabrication, biocompatibility and fast response time make the pressure sensor highly 

promising for a wide range of biomedical applications. The small footprint (3 x 3 mm2) 

of the sensor device, which can be further miniaturized as necessary, also allows for high 

pixel density over large area for artificial skin applications. 

6.1.2 Oxygen detection using In2O3 thin films 

 In this study, an In2O3 thin film based oxygen sensor was designed and fabricated.  

We have investigated the influence of moisture as well as applied dc bias on the O2 

sensing characteristics of In2O3 thin films. The O2 sensitivity was found to increase 

significantly in presence of moisture, which can be attributed to enhanced electron 

density in the In2O3 thin film, which is caused by electron donation by the chemisorbed 

water molecules. Higher dc bias was found to dramatically improve the sensitivity by 

more than two orders of magnitude. The bias related enhancement in sensitivity can be 

explained by the chemical gating effect of the O2- ions, formed on the In2O3 surface 

through O2 chemisorption, which under larger dc bias produces an exponentially higher 

change in the sensor current. 
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6.1.3 Graphene based ion sensitive field effect transistor 

 In the development of biocompatible ion sensor, we designed, fabricated and 

characterized a novel graphene based ion sensitive field effect transistor (ISFET) for real-

time K+ efflux measurement from living cells. I-V and C-V characteristics of the ISFET 

sensor have been extensively studied in both electrolyte and physiological buffer 

solutions. From the C-V measurement, we identified and calculated the interfacial 

capacitance at the graphene/solution interface, which consists of the electrical double 

layer capacitance (CEDL) at the interface and the quantum capacitance of graphene (CQ) 

Valinomycin coating of the graphene ISFETs has been utilized to enhance ionic detection 

sensitivity and impart selectivity. With the ionophore modified graphene ISFET, we have 

successfully demonstrated real-time detection of K+ concentration change in both 

electrolyte and physiological buffer solutions. Utilizing a salt bridge configuration, we 

were able to perform real-time K+ detection in μl volume of testing solution, which in 

term increases the sensing resolution for cell-based K+ efflux measurement. 

 Moreover, we have conducted cell based real-time K+ efflux measurement 

utilizing commercial Si based ISFETs and experimentally prove the concept of ISFET 

based ion channel screening assay for drug discovery. On the other hand, the prototype 

graphene based ISFET has also been evaluated for K+ efflux detection using a salt bridge 

configuration, showing promising sensing results for future study.  

 In the fabrication of graphene ISFET, we found the epoxy glue used for the sensor 

encapsulation had significant effect on the electric transport properties of graphene 

including conductivity, carrier concentration and field effect mobility. N-type doping 

effect of the epoxy on graphene has been carefully identified and confirmed by 
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systematic experiments, which is promising for new alternative approach to dope 

graphene. 

 

6.2 Future outlook 

6.2.1 PDMS based pressure sensor 

 In Chapter 2, we have proposed a simple physical model to explain the sensing 

mechanism of our PDMS based pressure sensor. The strain induced micro-crack 

formation in Au thin film resistor is mainly responsible for the high sensitivity achieved 

by the pressure sensor. Interestingly, the formation of strain induced micro-cracks in the 

Au thin film seems to be quite reversible within certain pressure range, i.e. the effective 

sensing range of the pressure sensor.  However, the possible formation mechanism of 

these microcracks has not been understood clearly yet. Moreover, we initially chose 200 

nm as the thickness of the Au thin film resistor, which is based on past studies [46-48, 51-53] 

where the Au thickness varied from 5 to 500 nm. In the future work, we would like to 

investigate the pressure sensor with varying design parameters including the thickness of 

Au thin film and PDMS membrane, the pattern of the thin film resistor and the 

dimensions of the active sensing area. We believe these design parameters largely 

determine the sensor performance (i.e. sensitivity, effective sensing range, response time, 

reproducibility etc.). The investigation will also help us to better understand the 

formalism of these microcracks. 

6.2.2 Graphene based ISFET 

 From the C-V characterization of our graphene ISFET in electrolyte solution, we 

identified and calculated the interfacial capacitance at the graphene/solution interface, 
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which consists of the electrical double layer capacitance (CEDL) at the interface and the 

quantum capacitance of graphene (CQ). In the future, we would like to further separate 

the two capacitive components and study CEDL and CQ with ionic concentration 

individually.  

 In the development of valinomycin modified graphene ISFET, we will conduct 

research to understand the sensing performance enhancement with valinomycin/polymer 

coating, in specific, the effect of membrane thickness and composition.  

 So far, we have successfully demonstrated direct cell culture on the prototype 

graphene ISFET devices, showing excellent biocompatibility of graphene. With the 

fundamental understanding acquired in the future investigation mentioned above, we 

would like to further optimize the ISFET sensor performance and eventually achieve on-

chip real time K+ efflux measurement from living cells. 

6.2.3 Chemical doping of graphene using epoxy 

 In the investigation of the effect of sensor packaging on the electrical properties 

of graphene, we have experimentally confirmed that the epoxy used for the ISFET 

encapsulation has a strong n-type doping effect on graphene. In the future work, we will 

study the extent of doping possible and the stability of the doping using various 

characterization tools e.g. Raman spectroscopy, angular-resolved photoemission 

spectroscopy (ARPES), etc. . 
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APPENDIX A  

 

LIST OF PHYSIOLOGICAL BUFFER SOLUTIONS 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Table A.1: Composition of normal saline solution  
(pH 7.4 with 280 mOsm NaOH) 

 

 

Table A.2: Composition of NMG (N-methyl glucamine) solution  
(pH 7.4)  
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APPENDIX B 

 

GRAPHENE BASED ION SENSITIVE FIELD EFFECT TRANSISTOR 

FABRICATION: COMPLETE PROCESS FLOW  

 Two types of graphene based ISFET sensors were fabricated using two different 

encapsulation materials, biocompatible epoxy (EPO-TEK 301, Epoxy Technology, Inc.) 

and positive photoresist (S1811, Shipley company). The fabrication process consists of 

three major steps: (i) graphene wet transfer; (ii) fabrication of graphene based ISFET (iii) 

ISFET sensor packaging. Here below list the details of each step. 

i. Graphene wet transfer 

 CVD derived graphene on copper foil was transferred to a 300 nm SiO2/Si wafer 

chip via Cu wet etching method. [122, 142, 143] The details of the wet transfer process is 

discussed in Section 4.2.2 B, Chapter 4.  

 

ii. Fabrication of graphene based ISFET 

 The graphene based ISFET consists of three terminals of drain, source and gate, 

respectively. Conventional Ag/AgCl reference electrode (BASi, Inc.) was used to as the 

gate electrode to control the potential of the testing solution (DI water/physiological 

buffer solutions). Drain and source metal electrodes (50 nm Cr/70 nm Au) were defined 

by the standard photolithography process as listed in Table B.1. 
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iii. Sensor packaging 

 For operation in electrolyte solution, fabricated graphene ISFETs were 

encapsulated by two different types of encapsulation materials, the epoxy glue (EPO-

TEK 301) and photoresist (PR) S1811. In the epoxy encapsulation process, the wafer 

chip with the graphene ISFET fabricated on was first mounted on a homemade PCB 

board and wire-bonded. Epoxy glue was prepared by mixing the epoxy base (EPO-TEK 

301-A) with its curing agent (301-B) under the weight ratio of 4:1. After properly mixing 

the epoxy/curing agent mixture, under 60 °C in air, we encapsulated the ISFET sensor by 

sequentially applying the mixture to cover the drain/source electrodes, four edges of the 

graphene film, Al bonding wires and the rest area of the wafer chip. After the epoxy was 

completely cured within ~ 2 hours, an opening window (i.e. the active sensing area of the 

Table B.1: Photolithography process for ISFET fabrication and encapsulation  
 

Lithography 
Substrate: 300 nm SiO2/Si wafer chip with graphene 
film transferred on 
Photoresist: Microposit S1811 
Spin coating: 4000 rpm for 30 secs (thickness: ~ 1 µm) 
Softbake: 110 ˚C for 1 mins on hotplate 
Exposure: λ = 436 nm, UV density = 150 mJ/cm2 
Develop: MF 351 for 20 secs 
Hard Bake: 110 ˚C for 1 min on hotplate  

Metal deposition 
Equipment: Denton DV-502 E-beam metal evaporator 
Deposition of following metal stack at pressure below 2 
x 10-6 torr 
Chromium (Cr): 50 nm 
Gold (Au): 70 nm 

Metal liftoff Metal liftoff in warm acetone with stirring, and dipped 
acetone spray by syringe 
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ISFET) was defined in the graphene film. Inset of Fig. 4.7 shows a representative 

graphene ISFET encapsulated using the epoxy. Last, the epoxy coated ISFET sensor was 

brought back to room temperature and stored in a vacuum sample box for future study. 

 The fabrication process of PR encapsulated graphene ISFET is illustrated in 

Figure B.1. Adopting the same procedures discussed in sections i and ii above, CVD 

graphene was transferred on a 300 nm SiO2/Si wafer chip (Step 1) and then drain/source 

metal contacts deposited (Step 2). Afterwards, a layer of PR S1811 (~ 1 µm in thickness) 

was spin-coated on the entire wafer chip covering both the graphene film and metal 

electrodes (Step 3). In Step 4, a 2nd round photolithography was performed, opening a 

window on top of the graphene film in between the electrodes and exposing the metal 

contact pads for wire bonding. The PR encapsulated ISFET chip was then mounted on a 

PCB board and wire-bonded (Step 5). The epoxy glue was used to encapsulate the Al 

bonding wires and the peripheral edges of the wafer chip. The optical image at the end of 

the process flow shows a representative graphene ISFET sensor encapsulated using the 

photoresist.  
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A: Graphene 

B: PR S1811 

C: Drain/source metal electrodes 

Figure B.1: Fabrication process flow chart of the PR encapsulated graphene ISFET. 
After 2nd photolithography (Step 4), the wafer chip is covered with a layer of PR 
S1811. Only the center area of the graphene thin film (the active sensing area of the 
ISFET) and the metal contact pads are exposed. For illustration simplicity, here only 
the photoresist encapsulating the metal electrodes are shown in the figure. Inset of the 
figure shows the optical image of an array of three ISFETs fabricated on a single 
graphene film. 
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