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Abstract 10 

Graphene-based field-effect transistor (GFET) is becoming an increasingly popular biosensing 11 
platform for monitoring health conditions through biomarker detection. Moreover, the graphene’s 2-12 
dimensional geometry makes it ideal for implementing flexible or wearable electronic devices. If 13 
implemented as a wearable biosensor, such technology can non-invasively monitor relevant 14 
biomarkers continuously in real-time and alert the user of possible health concerns. As a proof of 15 
feasibility, this paper presents a wearable GFET device fabricated on a flexible film that is capable of 16 
detecting interleukin-6 (IL-6) protein, a key biomarker implicated in immune responses, in the 17 
concentration range of 10 pM to 100 nM. The surface of graphene is modified with target-binding 18 
aptamers to ensure analyte selectivity. Our results show that the biosensor measurements were stable 19 
with minimum changes when the GFET was bent with a radius of curvature between 1.5 cm and 4.25 20 
cm suggesting robustness of the flexible GFET device. We have also demonstrated continuous real-21 
time monitoring of IL-6 with high sensitivity within the concentration range of 10 pM and 1nM. 22 
Furthermore, a minimum footprint, battery-powered circuit board is also developed that controls the 23 
GFET and records the sensor responses in real-time demonstrating the feasibility of becoming a fully 24 
standalone and wearable biosensor. The results from this work suggest that the thin film GFET-based 25 
biosensor has the potential to be used as a wearable continuous health monitoring device.  26 

1 Introduction 27 

One of the most effective ways to treat illnesses is early screening and diagnosis of the disease. 28 
According to the Centers for Disease Control and Prevention (CDC) in the United States, in 2018, ten 29 
million people suffered from tuberculosis, a leading infectious disease in the world, however over three 30 
million of those cases went undiagnosed [1]. Breast cancer is another example of life-threatening 31 
disease that requires early stage testing and diagnosis for effective treatment. Early detection of breast 32 
cancer has proven to allow for increased available treatment options, increased survival, and improved 33 
quality of life [2]. The current COVID-19 pandemic also showcases the importance of fast, reliable, 34 
and low-cost testing of the virus which could dramatically improve the survival rate of the patient when 35 
proper treatments were administered at the early stage. Currently, most testing for disease biomarkers 36 
are done at a centralized laboratory where a large number of samples are collected for testing. In order 37 
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to reduce the turnaround time, from sample submission and test results, point-of-care testing (POCT) 38 
platforms have been suggested and have been recognized in the research community as a viable 39 
alternative to a lab-based testing center [3], [4]. 40 

 41 

Biosensing is an active area of research because such devices can help monitor, track, and treat 42 
a plethora of diseases, sicknesses, and conditions. Among the various biosensing platforms, graphene-43 
based field-effect transistors (GFETs) are highly advantageous for creating simple yet reliable 44 
biosensors and thus are increasing in popularity as a biosensing platform. Graphene, a well-known 45 
semimetal with unique band structure and exceptional electronic properties [5], is ideal to be used as a 46 
transistor channel because it is extremely sensitive to charged molecules being adsorbed onto its 47 
surface resulting in a significant change in the electric field and subsequently a change in the gate 48 
potential of the device. As a result, this creates a direct change in the channel conductance which can 49 
be observed through measuring the drain-source current [6], [7]. This approach can be utilized to 50 
implement a sensor in which the drain-source current changes proportionally to the amount of the target 51 
molecule of interest and thus creating a GFET-based biosensor. Graphene-based FETs have been used 52 
in a wide variety of biosensing applications. For example, GFETs have been used to detect protein 53 
biomarkers [8]–[13], DNAs [14], and glucose [15]. Being a 2-dimensional (2-D) nanomaterial, 54 
graphene is well-suited for fabricating a thin-film transistor having a planar geometry. Moreover, the 55 
mechanical durability of a graphene film lends itself to the development of a flexible and wearable 56 
electronic device. Here, we present a wearable GFET-based detection of protein IL-6 to study the 57 
feasibility of its application as a wearable health monitoring system. 58 

Interleukin-6 (IL-6) is a pleotropic cytokine that is produced in response to a plethora of 59 
processes including tissue damage, infections, cancer, and autoimmune diseases [16], [17]. IL-6 is also 60 
a biomarker for ailments such as collagen vascular disease, alcoholic cirrhosis, and kidney disease [18]. 61 
IL-6 is a protein which can be produced by both normal and harmful biological processes. For instance, 62 
it is produced by the body during infections and kidney disease, but it is also produced by normal cell 63 
types that are involved in processes such as reproduction, metabolism, neural development, bone 64 
remodeling, and angiogenesis [19], [20]. Interleukin-6 is an important protein to monitor as increased 65 
levels of IL-6 can require medical attention for many of the issues and illnesses mentioned above. Early 66 
detection of such conditions is key as it increases treatment options and the probability of recovery. 67 

In this work, we demonstrate a low cost 2-D GFET fabricated on a flexible polymer film using 68 
a conductive ink printer and its use as a wearable biosensor for detecting IL-6 biomarker. Aptamers 69 
have been integrated with graphene to create target selectivity in the detection. The main contributions 70 
of this work are: (1) the demonstration of a flexible and wearable GFET-based biosensor for wearable 71 
applications; (2) the use of polyimide (Kapton) film as a bendable, robust, and thermally stable 72 
substrate for the GFET; and (3) implementation of a fully standalone miniaturized circuit board for 73 
controlling the GFET and measuring the sensor readout. We envision that such GFET-based wearable 74 
platform could potentially become a POCT device for real-time diagnosis of various health conditions. 75 

 76 

2 Materials and Methods 77 

2.1.   Materials 78 
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The amine-terminated aptamer oligonucleotide with a selective affinity toward recombinant mouse 79 
interleukin-6 (IL-6) was synthesized by BasePair Biotechnologies Inc (Pearland, TX, USA). The 80 
aptamers are single stranded DNAs with a length of 32 nucleotides and an average KD of 5.4 nM [21]. 81 
The IL-6 protein from recombinant mouse was purchased from Biolegend Inc (San Diego, CA, USA). 82 
The diluted solutions of proteins were prepared in 0.1 mM Phosphate buffer solution (PBS, pH 7.4, 83 
Sigma-Aldrich). 1-pyrenebutyric acid N-hydroxysuccinimide ester (PBASE) was purchased from 84 
Santa Cruz Biotechnology Inc (Dallas, TX, USA). The silver conductive inks were purchased from 85 
Voltera (Kitchener, ON, Canada) and Dycotec Materials Ltd (Calne, Wiltshire, UK). The CVD-grown 86 
graphene film was purchased from Graphenea Inc. (San Sebastián, Spain) 87 

2.2. Fabrication of GFET 88 

The solution-gated GFET device was fabricated by fully printing the source, drain, and the gate 89 
electrodes using a conductive ink-based PCB printer (Voltera V-One, Canada). This printer is 90 
especially ideal for plotting high viscosity inks and can print on a wide variety of substrates including 91 
polymer films. By printing the devices in-house using this hardware, it allows for rapid prototyping 92 
and low-cost fabrication of our devices. To enhance flexibility and stretchability, a commercially 93 
available stretchable silver conductive ink (Dycotec Materials, UK) was used to pattern the electrodes. 94 
The Easy Transfer monolayer graphene from Graphenea, Inc. is used to create the conductive channel 95 
between the drain and source electrodes. The graphene film contains a polymer backing and a 96 
sacrificial layer on top for passivation. To transfer the graphene film onto the flexible printed electrode, 97 
a small amount of deionized water droplet was placed on the electrode where the graphene is to be 98 
positioned using a pipette. The substrate containing the graphene film was placed on the water droplet 99 
which resulted in a separation between the graphene and the polymer backing. After removing the 100 
polymer film, the water was removed either manually using a pipette or through evaporation. Once 101 
fully dried, the GFET device was immersed in acetone, ethanol, and deionized water, sequentially (for 102 
1 hour in each solution) to remove the sacrificial layer above the graphene. The GFET fabrication steps 103 
are outlined in Figure 1. 104 

Figure 1. Overview of the fabrication process for the GFET device using KiCad software 
for electrode design, Voltera V-One PCB printer for electrode patterning, and using 
Graphenea Easy Transfer graphene film as a conductive channel of the field-effect 
transistor. 

. 
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2.3. Aptamer Immobilization on Graphene 105 

The aptamer immobilization on graphene surface is achieved using PBASE as a linker. The 106 
functionalization of the solution-gated GFET device with aptamers is done by placing a 200 µL droplet 107 
of 10 mM PBASE in dimethyl formamide (DMF) onto the graphene surface at room temperature for 2 108 
hours. A silicone well (1 cm × 0.5 cm	× 0.5 cm) was mounted on the chip across the drain and source 109 
electrodes to contain the PBASE solution on the graphene surface, as DMF is highly volatile and could 110 
also interfere with the printed silver electrodes. After the PBASE incubation is complete, the substrate 111 
is then washed successively with DMF, ethanol, and deionized water for 3 minutes each to remove any 112 
unbound PBASE linkers on the substrate. The final step in the GFET functionalization is the 113 
immobilization of the aptamers. Aminated (5’) probe DNAs at 5 µM in 0.01× PBS mixed with 1 mM 114 
MgCl2 are introduced to the graphene in the form of a 100 µL droplet at room temperature for two 115 
hours. After incubation, the excess aptamer solution is rinsed with 0.01× PBS to remove any unreacted 116 
aptamers. 117 

2.4. Electrical FET measurements 118 

All electrical measurements for both static and real-time measurements were collected using a 119 
Micromanipulator (450 PM-B) probing station in combination with a Keysight precision 120 
source/measure unit (B2902A) and National Instruments LabVIEW program. For static measurements, 121 
a constant bias voltage VDS is applied across the drain and source terminals while the gate voltage VGS, 122 
which is applied through the liquid gate of 0.01 X PBS buffer solution, is linearly swept typically from 123 
– 2 V to + 2V with a scan rate of 100 mV/s. The real-time biosensing experiments also utilize a GW 124 
Instek laboratory DC power supply, a 600 µm by 100 µm polydimethylsiloxane (PDMS) microfluidic 125 
channel, and a PHD Ultra syringe pump by Harvard Apparatus. For real-time measurements, both VDS 126 
and VGS are fixed to constant values and IDS is recorded continuously while flowing the sample 127 
solutions through the microfluidic channel. Figure 2 shows the schematic diagram of the solution-gated 128 
GFET device with the electrical connections. 129 

 130 

3 Results and Discussion 131 

3.1. The effects of a thin silicon dioxide coating on the FET measurements  132 
Silicon dioxide coating has shown to enhance the sensing performances of GFET devices. Naturally 133 
occurring organic contaminants can cause poorer sensitivity in detection, decreased carrier mobility 134 
and unwanted doping of the substrate [9]. By coating a thin layer of SiO2 on the substrate, it can not 135 

Figure 2. Schematic illustration the solution-gated GFET-based biosensor showing the 
electrical connections for applying VDS and VGS, forming a liquid gate with the electrolyte 
solution, and measuring the drain current IDS. 
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only offer protection for the graphene against unwanted doping but also provides a smoother surface 136 
for the substrate enabling a higher quality fabrication of the GFET device [9]. Furthermore, the coating 137 
has also been shown to significantly enhance the transconductance of the device which is directly 138 
related to the sensor sensitivity. Zhuang et al. have demonstrated that the SiO2 coating has resulted in 139 
more consistent I-V characteristic curve for the GFET, and it also exhibited sharper edges and therefore 140 
higher transconductance near the Dirac point [9].  141 

Prior to the electrode printing and GFET fabrication, a 50 nm SiO2 coating was deposited onto the bare 142 
Kapton film (12 inches × 12 inches × 1 mil) using a sputter deposition system from the 143 
Nanofabrication Laboratory at the University of Massachusetts Lowell. In order to ensure the reliability 144 
of the results, the effect of a 50 nm SiO2 coating was explored on the Kapton film. Figure 3 shows the 145 
I-V characteristic curves of the GFET fabricated on Kapton before and after SiO2 coating. The plots 146 
are normalized such that the x-axis represent VGS- VDirac, and the y-axis represent IDS – IDirac. Coating 147 
the Kapton film with SiO2 significantly increases both the transconductance of the device as well as 148 
the device consistency as demonstrated in Figure 3A and Figure 3B, respectively. 149 

3.2. Device substrate selection 150 
A wearable biosensor must be accommodating to the human body and thus needs to be integrated in a 151 
wearable and flexible platform. Substrate choice is key as it will ensure the safety and subsequently 152 
the effectiveness of the biosensor. Substrates such as biaxially-oriented polyethylene terephthalate (Bo 153 
PET) also known as Mylar, polyamide film named Kapton by DuPont, and polydimethylsiloxane 154 
(PDMS) are all flexible substrates that could accommodate such needs of a wearable electronics.  155 

Kapton is a thin polyimide film which is lightweight and bendable. The Kapton film used in this work 156 
was 0.001 inches thick (~25 µm). The Kapton was able to provide structural stability and its rigidity 157 
helped prevent potential tears while still offering a bendable device. Kapton has a relatively high 158 
melting point compared to other polymers and thus can withstand extreme heat up to 400 ºC [22]. 159 
Mylar is a transparent polyester film that is thin, lightweight and can conform well to the skin, thus 160 
making it a suitable substrate for a wearable device [23], [24]. It offers advantages such as a high tensile 161 
strength, electrical insulation, and stability. Disadvantages of this film include a tendency to easily 162 
crumple and tare thus causing issues for the sensor and a relatively low melting point of 250 ºC. 163 

Figure 3. The transfer characteristic curves of GFET devices fabricated on (A) Kapton substrate 
with 50 nm SiO2 coating versus bare Kapton film; (B) SiO2 coating improves the consistency to  
the transfer characteristic curve measurements. For both plots, VDS = 100 mV. 
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Another disadvantage to using a Mylar film is that it frequently requires bonding to a rigid substrate 164 
during fabrication [23]. While both Mylar and Kapton are thin films that present themselves as possible 165 
candidates as a wearable device substrate, silicone materials, such as polydimethylsiloxane (PDMS) 166 
which is highly elastic and durable, can also be used as wearable substrates [25]. 167 

To select the proper substrate for the device fabrication, the KiCAD (a layout design software) design 168 
was printed onto each of the three potential substrates (Mylar, Kapton, and PDMS) which had each 169 
been coated with a 50 nm layer of SiO2. A silicon oxide (SiO2) wafer substrate with the same design 170 
was also used during the process as a baseline for comparison. Graphene was then transferred across 171 
each of the four substrates and the bare graphene transfer characteristic curve of each GFET device 172 
was measured as shown in Figure 4A. The Kapton substrate exhibits the sharpest IDS versus VGS 173 
characteristic curve, making it the most sensitive GFET-based sensor. Mylar displays promising results 174 
as the magnitude of the current is similar to the silicon wafer which was used as a baseline.  However, 175 
the GFET device fabricated on the PDMS substrate displays almost no change in current flow 176 
regardless of the gate-to-source voltage (VGS) applied to the device. This excludes the PDMS substrate 177 
from being a viable option as it will make it extremely difficult to identify the Dirac voltage for a GFET 178 
with such a gradual incline. Therefore, the device is fabricated on a 50 nm SiO2 coated Kapton substrate 179 
as shown in Figure 4D.  180 

3.3. Impacts of mechanical stress on FET measurements 181 

It is essential to ensure that the flexible wearable biosensor operate reliably under various mechanical 182 
stresses, such as bending and stretching, with minimum interference from such mechanical forces. 183 
GFET-based sensors have been shown to withstand a wide range of mechanical stresses, including 184 
bending [9], [23], [26], stretching [27], twisting, and even a combination of these stresses [23]. In order 185 
to understand the appropriate range of substrate bending that the GFET can withstand, the Kapton 186 
substrate was characterized under different bending radii. To test the sensor response under various 187 
bending conditions, the GFET device was bent using three different inward bending substrates (with 188 
GFET on the inside when rolled up) with the radii of 4.25 cm, 2.25 cm, and 1.5 cm. Then, the GFET 189 
I-V characteristic curves were compared against those under an unbent (device on a flat surface) 190 
condition. The inward bending of the device was chosen to mimic a scenario where the GFET is facing 191 
the skin for applications such as sweat-based bioanalytical sensors. As can be seen in Figure 4B, the 192 

Figure 4. (A) Transfer characteristic curve with VDS = 100 mV for Si/SiO2 wafer (baseline), 
SiO2 coated Mylar, SiO2 coated Kapton, and SiO2 coated PDMS. The x-axis represents VGS – 
VDirac, and the y-axis represents IDS – IDirac so that the Dirac point is at (0,0); (B) Transfer 
characteristic curve of GFET on flat substrate and bent around radii of 1.5 cm, 2.25 cm, and 
4.25 cm. As a reference, the flat GFET had VDirac = 0.73 V; (C) Change in Dirac voltage with 
respect to the bending radius of the substrate. Error bars are created with N = 5 devices. (D) 
GFET design with all parameters finalized. Substrate: 50 nm SiO2 coated Kapton; Ink: 
Dycotec flexible and stretchable silver conductive ink. 
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inward bending of the substrate did cause some variations in the transfer characteristic curve 193 
presumably due to the change in carrier mobility caused by the mechanical deformation of the graphene 194 
film. Figure 4C shows the change in Dirac voltage compared to the unbent device for each bending 195 
radius of the substrate. Such shifting in the Dirac voltage with respect to bending radius is consistent 196 
with previous works [9]. However, the mechanical stress imposed on a bent GFET and, consequently, 197 
its effect on the I-V characteristics are relatively mild (compared to stretching of graphene which would 198 
significantly impact the electronic properties of the GFET), and therefore, the device is able to 199 
withstand a moderate degree to bending on the substrate. Unlike, substrate bending does not impose a 200 
significant mechanical stress on graphene Moreover, it can be expected that further miniaturization of 201 
the GFET design will make the sensor more robust and less susceptible to mechanical deformations. 202 
The results obtained from these analyses suggest that the biosensor can operate properly in all of the 203 
bending conditions studied in this work.  204 

3.4. The effects of graphene functionalization and target specificity of the GFET device  205 
The immobilization of aptamers onto the graphene surface is critical for eliciting target-specific 206 
biosensing responses from the solution-gated GFET. Figure 5A and Figure 5B show the current 207 
response of the bare GFET to IL-6 exposure in the absence of the aptamers. Without the aptamers 208 
present on the graphene surface, there is a negligible shift in the Dirac voltage for the bare graphene 209 
under various concentrations of IL-6 that were introduced as shown in Figure 5A. Figure 5B displays 210 
the change in Dirac voltage as a function of the analyte concentration which is minimal and 211 
concentration independent. This indicates that without the incorporation of the linkers and target-212 
binding aptamers, the target proteins are not able to effectively influence the graphene conducting 213 
channel. Figure 5C shows the effects of graphene surface modification on the I-V characteristics. The 214 
immobilization of the PBASE linker onto the graphene surface causes a p-type doping effect resulting 215 
in a right-shift of the transfer characteristic curve and the Dirac voltage [28], [29]. The carbonyl group 216 
of PBASE is an electron-withdrawing group and therefore causes an electron transfer to occur from 217 
the graphene to the linker, creating a positive shift in the Dirac voltage [30]. Further modification of 218 
graphene by crosslinking aptamers to PBASE causes a left-shift in the I-V characteristics, compared 219 
to the PBASE-modified graphene, because of the n-type doping due to the negatively charged DNA 220 
strands serving as electron donors when they interact with the graphene surface [30]. Such shifting of 221 
the I-V curves is consistent with previously reported results [9], [12], [30]. 222 

Figure 5. IL-6 sensing performed on a Kapton-based GFET device without PBASE and aptamers 
attached: (A) GFET transfer characteristic curves with VDS = 50 mV; (B) The corresponding 
calibration curve. The error bars are generated with N = 6 devices and represent one standard 
error; (C) Transfer characteristic curves during functionalization displaying p-type doping after 
introduction of PBASE and n-type doping after introduction of aptamers. 
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 223 

3.5. Static mode for IL-6 detection: gate voltage sweep 224 
The static mode of IL-6 detection is performed by linearly sweeping the gate-source voltage (VGS) 225 
while maintaining a fixed drain-source voltage (VDS) and measuring the drain current (IDS). In this 226 
sensing mode, the concentration of the target analyte is predicted by observing a shift in the Dirac 227 
point. Here, we have taken two different approaches to the static mode sensing: (1) buffer liquid gating 228 
and (2) analyte liquid gating. The differences between the two approaches are outlined in Figure 6. In 229 
the buffer liquid gating approach, the target analyte is exposed to the sensor for 10 minutes, followed 230 
by rinsing and placing a buffer solution of 0.01× PBS for the I-V measurements. The results from the 231 
static buffer liquid-gated method are displayed in Figure 6B and Figure 6C which show the 232 
corresponding transfer characteristic curves and the change in Dirac voltage as a function of IL-6 233 
concentration, respectively. In the analyte liquid gating approach, there is no rinsing step, but instead 234 
the analyte containing buffer is directly used as the liquid gate during the I-V measurements. The 235 
results from the static analyte liquid-gated method are displayed in Figure 6D and Figure 6E showing 236 
the resulting transfer characteristic curves and the change in Dirac voltage as a function of IL-6 237 
concentration, respectively. While the buffer liquid gating method is desirable as it eliminates the 238 
chances of non-specifically bound targets impacting the sensing measurements, the analyte liquid 239 

Figure 6. (A) Illustration of the buffer liquid-gated (device rinsed after sample exposure) 
versus analyte liquid-gated (no rinsing after sample exposure) sensing approaches; (B) The 
transfer characteristic curves for the buffer liquid-gated IL-6 static sensing with 0.01× PBS 
as a liquid gate and VDS =100 mV; (C) The buffer liquid-gated IL-6 sensing calibration curve 
with the Hill-Langmuir line of best fit (R2 = 99.27%, N = 4); (D) The transfer characteristic 
curves for the analyte liquid-gated IL-6 static sensing with IL-6 added into 0.01× PBS as 
liquid gate and VDS = 10 mV; (E) Analyte liquid-gated IL-6 sensing calibration curve with 
the Hill-Langmuir line of best fit (R2 = 98.37%, N = 4). (F) comparison of the IL-6 calibration 
curves between rinsing (buffer liquid gate) and non-rinsing (analyte liquid gate) methods. 
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gating method reduces the chances of the receptor-bound targets from dissociating from the aptamers 240 
by eliminating the device rinsing step. As shown in Figure 6F, there is a greater shift in the Dirac 241 
voltage for the non-rinsed method (analyte liquid-gated) compared to the devices that were rinsed after 242 
analyte exposure (buffer liquid-gated). However, the buffer liquid-gated sensors exhibited higher 243 
reproducibility as indicated by the error bars in the data points.  244 

A wearable device needs to be able to withstand material deformations while its performance integrity 245 
stays intact. Other Mylar-based biosensors have proven to be able to withstand deformations such as 246 
substrate bending [9], [15], twisting, and stretching [23]. It is vital that the wearable sensor 247 
measurement be minimally impacted by such deformations in the device. In order to characterize the 248 
sensing performances of the developed biosensor under mechanical stress, the fabricated GFET-based 249 
IL-6 sensor was bent (with device facing outward) with a radius of 2.25 cm and the static sensing 250 
process was repeated as shown in Figure 7. A known concentration of IL-6 in 0.01× PBS was used as 251 
the liquid gate with a VDS of 10 mV. Figures 7A and 7B show that even under the bending condition, 252 
the device still exhibits distinct transfer characteristic curves and the concentration dependent right-253 
shift of the Dirac voltage indicating the robustness and the stability of the Kapton-based GFET device. 254 
Finally, Figure 7C shows the comparison between sensing on flat and bent substrates. The bending of 255 
the substrate results in a reduced shift in the Dirac point compared to the flat substrate possibly due to 256 
the disruption in the graphene lattice structure which may negatively impact the mobility of the carriers. 257 

To provide perspective and comparison of this work with other similar work in the literature, Table 1 258 
summarizes some of the recent publications on GFET-based biosensors. Our Kapton-based GFET 259 
resulted in the detection limit of 10 pM and the detection range of 10 pM – 100 nM which is comparable 260 
to other published work in the literature. Furthermore, whereas most work on GFET-based biosensors 261 
report on point-of-care and portable devices for screening biomarkers, this work focuses on bendable 262 
and flexible GFET devices and provides new insight into the wearability of the GFET-based electronics 263 
and biosensors. 264 

 265 

 266 

 267 

Figure 7. (A) Kapton-GFET IL-6 static sensing results while substrate is bent at radius of 2.25 
cm and VDS = 10 mV; (B) Concentration calibration curve showing change in Dirac voltage 
as a function of concentration. (C) Comparison of calibration curves with IL-6 sensing done 
with GFET on flat substrate (purple) and on bent substrate (orange). The error bars represent 
one standard error with N = 5. 
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Table 1. Summary of recently published work on GFET-based biosensors. 268 

Analyte Detection Range Limit of 
Detection 

Flexible/ 
Wearable Reference 

Exosome 0.1 – 10 µg/mL 0.1 µg/mL No [31] 
Acetylcholine 5 – 1,000 µM 2.3 µM No [32] 

Biotin 0.37 pM – 16.28 nM 0.37 pM No [33] 
SARS-CoV-2 1 fg/mL – 10 pg/mL 16 fg/mL No [34] 
Insulin 100 pM – 1 µM 35 pM No [28] 
TNF-α 50 pM – 500 nM 26 pM Yes [9] 
IL-6 1.5 pM – 100 nM 139 fM No [12] 
IL-6 10 pM – 100 nM 10 pM Yes This work 

 269 

 270 

3.5. Dynamic mode for IL-6 detection: real-time continuous monitoring of IL-6  271 
One of the main advantages of GFET as a biosensing platform is its label-free and continuous detection 272 
capability. Furthermore, if implemented as a wearable sensor, it will be crucial to have the ability to 273 
monitor biomarkers in real-time, especially in the context of personalized medicine, point-of-care, and 274 
the internet of medical things (IoMT). For the dynamic mode (or continuous real-time monitoring) of 275 
IL-6 detection, both the gate-to-source voltage (VGS) as well as the drain-to-source voltage (VDS) is 276 
fixed to a constant value, and the sensor response is monitored by reading the changes in the drain-to-277 
source current (IDS) over time. For sequentially introducing the fluid with different IL-6 concentrations, 278 
a PDMS-based microfluidic channel was mounted over a GFET substrate to implement a lateral flow 279 
mechanism. As shown in Figure 8, when IL-6 is introduced to the device (injection time indicated by 280 
vertical dotted lines in Figure 8A), the drain current decreases in response. Since the IL-6 binding to 281 
the aptamers causes a right-shift in the I-V curves, with the GFET biased to the right side of the Dirac 282 
point (VGS = 1.3 V), a drop in IDS as a function of increasing IL-6 concentration is consistent with the 283 
measurements obtained in the static sensing mode. For each concentration, it can be observed that IDS 284 
initially stabilizes but gradually drifts as time progresses. This is expected as the graphene surface 285 
condition may be changing as more analytes interact with the surface of graphene. Figure 8B displays 286 
the average change in drain-to-source current for the real-time IL-6 detection. 287 

 288 

 289 

 290 

 291 

 292 

 293 

 294 

 295 



 
11 

 296 

4 Implementing the wearable electronics 297 

For implementing a fully standalone and wearable biosensing device, the bulky instruments used for 298 
operating the GFET, namely the source measure unit, power supply, micromanipulator, and a computer 299 
with the LabVIEW software, were removed and replaced with a miniaturized and portable circuit board 300 
containing a coin cell battery, a voltage control system, a current meter, and the data acquisition and 301 
storage system as shown in Figure 9A. One of the major challenges when measuring a low current in 302 
the micro to nano ampere range with a low voltage current meter is the burden voltage. Burden voltage 303 
is the voltage drop across a shunt resistor through which a current to be measured passes. This can 304 
result in significant loss of resolution and accuracy. To address this issue, a custom-made analog front 305 
end (AFE) device with an ultra-low offset (<50 µV) and a low noise precision amplifier (< -90 dBV) 306 
was developed by Dr. Mahmud’s group. The AFE is operated with zero bias voltage to continually 307 
correct for the DC offset voltage of the main amplifier. Afterward, the signal is fed into a 24-bit analog 308 
to digital converter with digital filtering. The output data rate is programmable, with the slowest speed 309 
(4.17 Hz) giving the lowest noise of 40 nV, which is negligible compared to other sources of noise. 310 
The device is operated by simply recording the drain-to-source current (IDS) overtime and taking 311 
samples every 500 msec. This portable measuring system records the data and instantly sends it to a 312 
laptop computer via a USB cable. The first implementation of the wearable device was created on a 313 
rigid PCB substrate. The initial measurements are done to ensure integration is possible and that the 314 
device works as anticipated when paired with the GFET biosensor.  315 

Figure 8. Continuous real-time monitoring of the IL-6 biomarker: (A) IDS vs. time with various 
concentrations of IL-6. Sample injection time is indicated with vertical dotted lines; (B) Change 
in IDS with respect to IL-6 concentration (N = 3). The GFET voltage parameters were VGS = 1.3 
V and VDS = 100 mV. The microfluidic flowrate was 20 𝛍L/min. 
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When implementing an integrated current measurement platform to the Kapton-based GFET device, it 316 
is vital that the data measured in this integrated platform closely match that obtained by the Keysight 317 
source measure unit for validation. To ensure that the portable integrated device is providing accurate 318 
data, the IDS measurements of a GFET device were taken simultaneously using both the integrated 319 
platform and the conventional system using Keysight source measure unit and the LabVIEW software. 320 
Three individual GFET devices were prepared and each GFET measurement was repeated three times 321 
to characterize both the device-to-device reproducibility as well as the single device reproducibility. 322 
As can be seen in Figure 9B, the current measured by the portable platform matches closely to that of 323 
the Keysight instruments. A slight right-shift of about 100 mV in the I-V curve obtained by the 324 
integrated microcontroller, when compared against that for the conventional system, can be attributed 325 
to the presence of a digital filter based on a rolling average calculation over multiple data points. As 326 
shown in Figure 9C, this small shift in the Dirac voltage between the portable device and the 327 
conventional measurement is consistent among the three devices. Designing a higher performing filter 328 
or manually offsetting this shift may further improve the accuracy of the portable current measurement 329 
device and may even more closely match the I-V curve of the traditional instrumentation. It should 330 
also be noted that the integrated microcontroller device does exhibit a slightly higher noise and 331 
variation in the measurement compared to the conventional setup as expected. 332 

 333 

5 Conclusion 334 

In this work, we have presented a fully printable, graphene-based FET biosensor for the sensitive static 335 
and dynamic (real-time) aptameric sensing of Interleukin-6 (IL-6) protein biomarker. The biosensor is 336 
fabricated with a 2D PCB printer and a silver conductive ink, using a KiCAD for electrode design. The 337 
GFET is fabricated onto a 50 nm SiO2 coated Kapton film. We have demonstrated static sensing using 338 
both the buffer liquid gating method as well as the analyte liquid gating method where both cases 339 
display a rightward concentration dependent shift in the Dirac point. While buffer liquid gating shows 340 
a more reproducible results, the analyte liquid gating resulted in a greater shift in the Dirac point leading 341 
to higher sensitivity. The device is also shown to be capable of continuous real-time sensing as there 342 
is a clear change in the drain-source current upon introduction of a sample fluid with different IL-6 343 
concentrations. The developed GFET biosensor is able to detect IL-6 concentrations ranging from 10 344 
pM to 100 nM. Finally, we have also demonstrated the potential for our sensing platform to be used as 345 

Figure 9. (A) The Kapton-GFET sensor shown with the integrated miniaturized circuit for 
GFET control and measurement; (B) Comparison between the IDS vs. VGS transfer 
characteristic curves measured by the integrated microcontroller (portable device) and the 
external source measure unit (Keysight B2902A); (C) the positions of the Dirac voltage 
measured with two different systems (N = 3 per device). 
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a truly standalone and wearable device by developing a portable and miniaturized electronic unit that 346 
can operate the GFET biosensor. For future improvements, developing an integrated microcontroller 347 
unit on a flexible PCB film and adding a wireless data transfer module would make this platform  highly 348 
convenient and practical for wearable biosensing applications.   349 
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