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Abstract 1 

Despite intensive research of nanomaterials-based field-effect transistors (FETs) as a rapid diagnostic tool, it remains to be 2 

seen for FET sensors to be used for clinical applications due to a lack of stability, reliability, reproducibility, and scalability 3 

for mass production. Herein, we propose a remote floating-gate (RFG) FET configuration to eliminate device-to-device 4 

variations of two-dimensional reduced graphene oxide (rGO) sensing surfaces and most of the instability at the solution 5 

interface. Also, critical mechanistic factors behind the electrochemical instability of rGO such as severe drift and hysteresis 6 

were identified through extensive studies on rGO-solution interfaces varied by rGO thickness, coverage, and reduction 7 

temperature. rGO surfaces in our RFGFET structure displayed a Nernstian response of 54 mV/pH (from pH2 to 11) with a 8 

90% yield (9 samples out of total 10), coefficient of variation (CV) < 3%, and a low drift rate of 2%, all of which were 9 

calculated from the absolute measurement values. As proof-of-concept, we demonstrated highly reliable, reproducible, and 10 

label-free detection of spike proteins of severe acute respiratory syndrome coronavirus 2 (SARS-CoV-2) in a saliva-relevant 11 

media with concentrations ranging from 500 fg/ml to 5 µg/ml, with an R2 value of 0.984 and CV < 3%, with a guaranteed 12 

limit of detection at a few pg/ml. Taken together, this new platform may have an immense effect on positioning FET 13 

bioelectronics in a clinical setting for detecting SARS-CoV-2. 14 
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Introduction 1 

The outbreak of coronavirus 2019 (COVID-19),1 resulting from severe acute respiratory syndrome coronavirus 2 2 

(SARS-CoV-2), has evolved into a global pandemic, causing more than 400 million infections and more than four million 3 

deaths (https://covid19.who.int/). The development of a reliable mechanism to track infectious diseases and their spread 4 

remains a challenge. Indeed, the early identification and diagnosis of potential pathogens is essential for preventing virus 5 

transmission.2 The real-time reverse transcriptase polymerase chain reaction (RT-PCR) technique has been the gold standard 6 

for COVID-19 detection, but it can take hours to days to receive test results, as RT-PCR requires a large laboratory space, 7 

multistep sample preparation, and trained experts to perform the tests.3 In contrast, several point-of-care (POC) testing tools 8 

based on lateral flow immunoassays (LFAs)4 were recently authorized by the U.S. Food and Drug Administration (FDA) 9 

for emergency use, which are still inadequate to precisely identify a particular phase of COVID-19 disease progression in 10 

patients.  11 

Meanwhile, proof-of-concept field-effect transistors (FETs) have been demonstrated for COVID-19 detection using 12 

nanostructured materials such as carbon nanotubes,5 graphene,6 reduced graphene oxide (rGO),7 and transition metal 13 

dichalcogenide monolayers8. Those FET sensors eliminate the multiple laboratory steps that are typically required to amplify 14 

DNA sequence or immobilize the specialized reagents or enzymatic labels, as demanded by LFAs, conventional 15 

fluorescence, luminescence, and radioactive assays. A few reports on two-dimensional (2D) FETs have already shown 16 

excessively low limit of detection (LOD) for SARS-CoV-2 spike proteins (S proteins) down to 1 fg/ml6, while the LOD 17 

observed from the conventional LFAs is measured as 5 ug/ml in literature9, and capacities to screen SARS-CoV-2 in patient 18 

specimens.6-7 However, to the best of our knowledge, none of FET sensors above has been authorized by FDA for emergency 19 

use or commercialized for clinical uses so far while most of impressive work has been shown for a single device scale 20 

accompanied with well-controlled laboratory environments for measurements.  21 

A major technical hurdle of low-dimensional FET sensors10-15 for POC market products is the lack of adequate 22 

control over the manufacturing quality for low-dimensional semiconducting layers.16 As a result, electrical properties of 23 

low-dimensional materials easily fluctuate due to various factors such as grain boundaries, impurities, and defects, all of 24 

which if not adequately controlled over the fabrication process, could lead to random and inconsistent performance for the 25 

transducers.17-20 Additional variation and instability could be introduced by directly placing a solution-gated system21 on 26 

low-dimensional semiconducting layers as the gate; i.e., the nanomaterial plays a role of both sensing membrane and 27 

transducer. Inevitable interactions between the semiconducting layer and the media solution in terms of drain or gate current 28 
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flow cause degradation of the intrinsic electronic properties of nanomaterials through redox reactions and ion diffusion.6, 22 1 

Furthermore, physiological samples (i.e., saliva) add extra random factors in the measurement system such as different ionic 2 

concentrations, pH values, mucus, while blood cells, epithelial cells, and enzymes which could easily cause false or non-3 

specific signaling of FET sensors. Thus, fundamental studies regarding device yield, stability, reliability, and reproducibility 4 

of low-dimensional materials are required for success of FET sensors toward rapid POC market products along with studies 5 

to achieve higher sensing performance. 6 

It is well known that SARS-CoV-2 gains entry into target cells via an initial binding interaction between the S 7 

protein and the angiotensin-converting enzyme 2 (ACE 2) receptor on the host cell surface, followed by viral fusion and 8 

entry.23 The S protein consists of a signal peptide, S1 subunit, S2 subunit, and transmembrane domain anchored in the viral 9 

membrane and expressed as a trimer. In the normal metastable, prefusion conformation of the S protein, the receptor-binding 10 

domain (RBD) of the S1 subunit is partially blocked, which prevents host cell entry. However, upon interaction with the 11 

host cell, proteases cleave the S protein into the S1 and S2 subunits, resulting in an open conformation that exposes the 12 

RBD and enables binding to ACE2. As the primary means for viral infection, the S protein is an ideal target for detecting 13 

SARS-CoV-2 in patients.  14 

 In this paper, we propose a new remote floating-gate (RFG) FET configuration (Figure 1a) with two-dimensional 15 

(2D) reduced graphene oxide (rGO) that eliminates non-reliable behaviors of solution interfacial properties for reliable and 16 

reproducible COVID-19 sensing applications. The rGO layer is electrically isolated by an insulator, while confining a 2D 17 

structure of the rGO layer only to the solution interface, and capacitively connected to the gate of FET transducer. The 18 

proposed structure blocks any current flows into rGO which avoids any undesirable effects from interface traps, defects, 19 

and redox reactions. As a result, highly uniform absolute levels of threshold voltage (V୲୦), i.e., intrinsic interfacial potentials 20 

of the rGO layer, are obtained for specific pH levels by the RFGFET. In addition, the  rGO sensing membrane is highly 21 

sensitive to interfacial potential changes that are caused by protein binding on rGO layers due to the 2D structure of rGO 22 

isolated into solution interface with a high surface-to-volume ratio. 23 

Using RFGFET platform, we first discovered critical mechanistic factors of rGO sensing layers behind drift and 24 

hysteresis in pH testing studies that were varied by device structure, rGO thickness, rGO coverage, and rGO reduction 25 

temperature. Our optimized rGO layer presented a Nernstian sensitivity of 54 mV/pH with an R2 of 0.998 and a coefficient 26 

of variation (CV) < 3%, a 90% yield (9 samples out of total 10), a low drift rate of 2%, and no hysteresis, all of which are 27 
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directly calculated from a directly measured V୲୦ of rGO for each pH. Also, this optimized rGO layer led to a reproducible 1 

sensitivity of SARS-CoV-2 S proteins (6.3 mV/dec) in the PBS buffer solution with a concentration range from 3.4 pg/ml 2 

to 34 ng/ml with an R2 value of 0.986. Also, the sensitivity of S protein in a saliva-relevant media was measured to be 5.1 3 

mV/dec in a range from 500 fg/ml to 5 µg/ml, with an R2 value of 0.984 and CV < 3%, while the guaranteed LOD is at a 4 

few pg/ml. Taken together, this work provides a novel platform for POC testing of COVID-19 that is rapid, sensitive, 5 

selective, reproducible, and reliable.  6 

 7 

Results and Discussion 8 

Structural advantages of RFGFET. 4 nm-thickness multilayer rGO on a 300-nm-thick SiO2 is capacitively 9 

coupled to the commercial FET transducer (Figure 1a). The 2D structure offered by the rGO layer is only confined to the 10 

solution interface on the FG by the SiO2 insulator, which preserves the high surface-to-volume ratio for the sensing section. 11 

In contrast, it is challenging to avoid any influences of the bulk electrode underneath rGO layers for resistive connections 12 

of rGO layer24-25 utilized in the conventional RGFET (Figure 1b) since the rGO layer is electrically coupled to the bulk 13 

electrode. That is, rGO and electrode complexes are regarded as a single combined resistor under the solution contact for a 14 

conventional RGFET, losing structural advantages offered by rGO layers at the solution interfaces. In addition, these rGO 15 

layers typically have imperfect coverage of rGO nanosheets on the electrode as shown in a scanning electron microscopy 16 

(SEM) image (Figure 1a), suggesting the inevitable of the uncovered electrode on interfacial potentials of the conventional 17 

RGFET system (Figure 1b) as being directly exposed to the solution. 18 

An input impedance of commercial FET chip (CD4007) is at least 100 times higher than those of remote FG 19 

structure (Figure S1). This means that 𝑉௧௛ of the RFGFET is an independent variable from factors that could alter the 20 

impedance of remote FG modules such as the thickness of the FG materials and SiO2 and the contact area of media on the 21 

FG surface. It is noted that an equivalent circuit simplified with effective factors for RFGFET (Figure 1a) is identical to 22 

that of RGFET.26 23 

Importantly, rGO RFGFET strongly resists drift and hysteresis in transfer curves measured for 50 gate voltage 24 

cycles in a pH7 media solution (Figure 1d). A high gate input impedance of the commercial FET and the SiO2 dielectric of 25 

the FG module prevents the electrical current flow into the rGO, which leads to a large enhancement of stability by avoiding 26 

any undesirable factors impacting the rGO layers such as defects, interface traps, diffused ions, and redox reactions.  27 
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On the other hand, rGO layers processed identically to those in rGO RFGFET but used as a semiconducting channel 1 

for rGOFET (Figure 1c) reveal huge drifts and hysteresis in Dirac points (Figure 1e). rGOFET is a general structure used 2 

for biosensors where the rGO layer serves as both a semiconducting channel and a sensing layer. It is noted that such severe 3 

device instability (Figure 1e) was only caused by the electrical properties in the rGO semiconductor without any solution 4 

environments applied on rGO layers. This shows that charge transports for actual rGOFET biosensors are engaged by 5 

multiple indistinguishable factors such as mobility of rGO layers, defects, interface traps, diffused ions from solution to the 6 

rGO layer, redox reactions, and area of solution contact on the rGO layer. As a result, our RFGFET structure achieved a 50-7 

fold decrease in the drift rate at the maximum compared to that of rGOFET (Figure 1f). The drift rate was calculated at a 8 

difference in the 𝑉௧௛ levels of RGFET and Si-FET between the initial and saturated states divided by 𝑉௧௛ at the initial; Dirac 9 

points of rGOFET were used for the calculation.  10 

 The V୲୦ of RFGFET is comprised of the sum of independent components such as the V୲୦ of a commercial FET 11 

(𝑉 ிா்) and the electrochemical potentials associated with a solution/RG system.27 12 

𝑉௧௛ ൌ 𝑉 ிா் ൅ 𝐸௥௘௙ ൅ 𝜙௟௝ െ 𝜑௦ ൅ 𝜒௦௢௟ ൅
𝜙ோீ
𝑞

      ሺ1ሻ 13 

where 𝐸௥௘௙ is an absolute potential of the Ag/AgCl reference electrode (0.316 V, GAMRY Instruments), 𝜙௟௝ is the liquid 14 

junction potential difference, 𝜑௦  is the surface potential at the electrolyte/sensing film interface, 𝜒௦௢௟  is the electrolyte-15 

insulator surface dipole potential, and 𝜙ோீ  is the work function of the RG material. 𝑉 ிா் and the transconductance (𝐺௠) of 16 

an innate FET (𝐺ிா்) remains stable at 1.55 V and 63 µS, respectively, over time without any drift and hysteresis before 17 

introducing a new variable of solution interface (Figure S2). Therefore, we further define a standard electrochemical 18 

potential of the remote FG material (𝐸ோீ) using equation (1). 19 

𝐸ோீ ൌ 𝜙௟௝ െ 𝜑௦ ൅ 𝜒௦௢௟ ൅
𝜙ோீ
𝑞

   ሺ2ሻ 20 

𝐸ோீ  is a value only associated with the intrinsic electrochemical potentials of the FG surface, the media solution, and their 21 

interfaces resulting from their contacts, independent of the 𝑉 ிா் and 𝐸௥௘௙ which are varied by different experimental setups. 22 

Here, each 𝐸ோீ  and 𝐺௠ of the RFGFET measured by a forward and reverse sweeping mode is referred to as 𝐸ோீ
ி௢௥, 𝐸ோீ

ோ௘௩, 23 

𝐺௠ி௢௥, and 𝐺௠ோ௘௩, respectively. The hysteresis in 𝐸ோீ  (∆𝐸௛௬௦) and in 𝐺௠ (∆𝐺௛௬௦) herein are calculated as the difference in 24 
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𝐸ோீ  and 𝐺௠ between forward and reverse sweeping mode at the saturation regime, respectively. 𝐺௠ loss is calculated as 1 

ሺ𝐺ிா் െ 𝐺௠ሻ/𝐺ிா்; a larger 𝐺௠ loss will be shown at unstable solution interfaces and non-conductive surfaces.28-29 2 

Mechanistic factors of rGO layers. Various thicknesses and coverages of rGO layers were prepared on a (3-3 

aminopropyl)trimethoxysilane (APTMS)-treated SiO2 surfaces by either controlling the concentrations of spin-coating GO 4 

solutions (Figure S3a) or using heat-assisted drop-casting methods (Figure S3b). Increasing the concentrations of spin-5 

coating GO solutions (0.12, 0.24, 0.48 to 0.59 mg/ml) achieved denser GO networks, but still showed discontinuity over 6 

the remote FG surfaces (Figure 2a, S3a). In contrast, we obtained essentially continuous multilayer GO (Figure 2b, S3b) 7 

with ca. 4-nm-thickness (measured by atomic force microscopy (AFM) image in Figure 1a) using heat-assisted drop-casting 8 

methods with the high evaporation rate of GO solution under 120 °C (Figure S4). Additionally, ca. 2.5-µm-thick GO films 9 

were made on the edge of wafer for this heat-assisted drop-casting condition (Figure S4). It is noted that the lower plate 10 

temperature at 50 °C led to thick GO depositions over most of the wafer area (Figure S4c) instead of achieving multilayer 11 

GO.  12 

Similar Raman spectra were observed for rGO layers made by different depositions of spin-coating and heat-assisted 13 

drop-casting, showing the D band at 1,350 cm-1, which is attributed to the structural disorder, and the G band at 1,583 cm-1, 14 

which is attributed to the bond stretching of sp2 carbon atoms (Figure 2c). The appearance of weak and broad 2D (2,700 15 

cm-1) and D + G (2,940 cm-1) bands in the GO spectrum is also a signature of edge disorder in graphitic sheets due to the 16 

incorporation of oxygen functional groups. Similar ID/IG ratios of 0.87, 0.95, and 0.91 were obtained for all rGO layers, 17 

which were spin-coated with 0.12 and 0.59 mg/ml GO solutions and made by heat-assisted drop-casting, respectively. Plenty 18 

of oxygen functional groups in all rGO layers were also found in an X-ray photoelectron spectroscopy (XPS) spectrum 19 

(Figure 2d), contributing to the pH-sensing capability of the rGO layers, as described in the next section.  20 

 pH sensitivity without GO layers on SiO2 FG. The pH sensitivity of our starting materials such as a bare SiO2 21 

(Figure 3a, S5) and an APTMS-treated SiO2 (Figure 3b, S6) was evaluated before introducing a GO layer. Initial negatively 22 

charged 𝐸ோீ
ி௢௥ of both SiO2 and APTMS/SiO2 FG surface (gray-colored data in Figure 3a, 3b) drifted up to about 0 V of 23 

𝐸ோீ
ி௢௥. No pH sensitivity was obtained for both surfaces (Figure S7a). Transfer curves measured in pH7 at the saturation 24 

regime (Figure 3c), while remaining in mostly identical transfer curves during the forward-sweeping mode, show that the 25 

hydrophobicity of APTMS (Figure S7b)22 promoted a slow response of water dipole orientations at the reverse sweeps and 26 

resultant large increase of 𝐸ோீ
ோ௘௩.29 The ∆𝐸௛௬௦ of SiO2 and APTMS/SiO2 were measured to be 1.45 and 4.31 %, respectively. 27 
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This result corresponds to a higher 𝐺௠ி௢௥ loss for APTMS (4.28%, Figure 3b) compared with that of the SiO2 surface (2.53%, 1 

Figure 3a).  2 

pH sensitivity with GO layers on FG. Even after the deposition of GO layers on APTMS/SiO2, no pH responses 3 

appear without any reduction; each GO layer was spin-coated at a concentration of 0.12 mg/ml (Figure 4a, S8) and 0.59 4 

mg/ml (Figure 4b, S9), respectively. All 𝐸ோீ
ி௢௥ (Figure 4a, 4b) was saturated near 0 V regardless of pH values, as were the 5 

cases of SiO2 and APTMS/SiO2. However, the presence of conductive GO layers under each condition was supported by 6 

higher 𝐺௠ோ௘௩ levels shown from spin-coated GO layers (62.4 µS for 0.12 mg/ml GO, 62.3 µS for 0.59 mg/ml GO) than 7 

APTMS (61.6 µS). On the other hand, 2.5 µm-thick GO films reveal insignificant ∆𝐸ௗ௥௜, ∆𝐸௛௬௦, ∆𝐺௛௬௦, and 𝐺௠ loss, even 8 

though there is still no pH sensitivity (Figure 4c, S10). Lower levels of 𝐸ோீ
ி௢௥ and 𝐸ோீ

ோ௘௩ of ca. -0.8 V describe highly positive-9 

charged rGO surfaces while there are only 0.9% 𝐺௠ loss with no ∆𝐺௛௬௦. There is a clear propensity that 𝐺௠ி௢௥ increases with 10 

a higher conductivity of solution interface achieved by denser GO networks (Figure S11). 11 

In summary, denser GO networks at the solution interface induce higher positive surface potentials with lower 12 

levels of 𝐸ோீ
ி௢௥ and 𝐸ோீ

ோ௘௩ and ∆𝐸௛௬௦, as shown in a clear trend of transfer curves for each case measured for the pH7 buffer 13 

solution (Figure 4d). This reveals that highly conductive and hydrophilic GO films resist drift and hysteresis components. 14 

A very low concentration of GO networks at the solution-interface, such as 0.12 mg/ml GO has higher ∆𝐸௛௬௦ of 192 mV 15 

and 𝐺௠ி௢௥ loss of 4.75% than those of bare APTMS surfaces (∆𝐸௛௬௦: 95 mV, 𝐺௠ி௢௥ loss: 4.28%) as shown in Figure 4f and 16 

4g. For this type of analytical tools for interfacial analysis, higher 𝐺௠ி௢௥ loss and ∆𝐸௛௬௦ are mostly shown for the solution 17 

interface with increased hydrophobicity.29 Based on our observation, we could hypothesize that hydrophobicity of solution 18 

interfaces with a very low concentration of rGO flakes on APTMS increased compared to that of a bare APTMS. It could 19 

be depicted that for lower GO concentrations most of the oxygen functional groups of monolayer GO on the surface are 20 

consumed in bonding with the amine groups on APTMS, which increases hydrophobicity. Furthermore, with increasing 21 

concentrations of GO, GO nanosheets begin to overlay on monolayer GO that had already bound to the surface via π–π 22 

interactions, which exposes oxygen functional groups to the solution-interface steadily and increases hydrophilicity (inset 23 

of Figure 4f), suggesting some threshold in the concentration of GO flakes at the solution-interface to achieve hydrophilic 24 

surfaces. 25 
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 pH sensitivity with reduction of GO. We further investigated the effects of reduction temperatures on the pH 1 

sensitivity of the same GO films (Figure 5). The pH responses of 𝐸ோீ
ி௢௥ are shown for both 0.59 mg/ml GO (Figure 5a, S12, 2 

S13, S14) and 2.5 µm-thick GO films (Figure 5b, S15, S16, S17) reduced at 200, 300, and 400 °C, respectively. Overall 3 

𝐸ோீ
ி௢௥ levels of 0.59 mg/ml rGO steadily decreased at higher reduction temperatures (Figure 5a) due to the creation of 4 

positive charge carriers resulting from the reduction of diverse oxidized functional groups in GO sheets. Accordingly, 5 

increased conductivity resulting from higher reduction temperatures is shown as insignificant 𝐺௠ loss (Figure 5c, S18), 6 

suggesting a trade-off between the conductivity and pH sensitivity of rGO. This is also supported by the decreasing 7 

propensity in the pH sensitivity of rGO layers with increasing reduction temperatures (Figure 5d, S19). In contrast, 2.5 µm-8 

thick GO films increased 𝐸ோீ
ி௢௥ levels overall with increasing reduction temperatures (Figure 5b), which is an opposite trend 9 

to that of 0.59 mg/ml GO. Without reductions, 2.5 µm-thick GO films already have plenty of positive charges because of 10 

the denser GO networks as shown in the lower 𝐸ோீ
ி௢௥ levels at ca. -0.8V (Figure 4c). Thus, the 𝐸ோீ

ி௢௥ levels for 2.5 µm-thick 11 

GO films are more affected by the losing effects of pH sensitivity from reductions. 12 

Our results so far suggest that hydrophilic GO surfaces that include oxygen functional groups are more sensitive to 13 

changes in surface potentials, and that the high conductivity of GO surfaces stabilizes solution interfaces, thereby reducing 14 

hysteresis and drift components. Unfortunately, the higher conductivity achieved by higher reduction temperatures increases 15 

the hydrophobicity of the rGO surface. Thus, we sought to find the optimal pH sensitivity of rGO by increasing conductivity 16 

in terms of denser rGO networks under a minimized reduction temperature at 200 °C. Similar pH sensing properties were 17 

observed as rGO began to construct rGO networks that are dense enough over FG surfaces (i.e., 0.48 mg/ml rGO, 0.59 18 

mg/ml rGO, multilayer GO made by drop-casting, Figure 5e, 5f). CV values for each pH from multilayer rGO are < 3% 19 

over all pH ranges; each CV value was calculated by using raw values of 𝑉௧௛ for each pH over 9 samples of rGO. Finally, 20 

the multilayer rGO made by the heat-assisted drop-casting method shows the lowest drift rate of 2%, thereby maintaining a 21 

high pH sensitivity of 54 mV/pH with an R2 value of 0.998 (Figure 5f). More importantly, the optimal rGO layer revealed 22 

a 90% yield (9 samples out of total 10) in showing the pH sensitivity (54 mV/pH) due to enhanced stability and 23 

reproducibility of electrochemical properties of the RFGFET structure.  24 

Spike protein detection using rGO RFGFET. Quantification of S protein concentrations is done by using 25 

optimized multilayer GO layers above. We tracked a shifting propensity of transfer curves of rGO RFGFET depending on 26 

the surface modification for S protein detection (Figure 6a). Summarized 𝑉୲୦ and 𝐺୫ loss for each interfacial condition is 27 
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shown in Figure 6b. The 𝑉୲୦ of bare SiO2 and APTMS/SiO2 surfaces are close to 1.86 V in 0.05ൈ PBS. On the other hand, 1 

the presence of multilayer rGO on an APTMS/SiO2 surface turns over the electric properties of interfaces by inducing 2 

strongly positive charges on the FG surface (i.e., 𝑉୲୦ of rGO: 1.35 V) due to a large number of hole carriers inside the rGO 3 

layers. The increase in 𝐺௠ி௢௥ (𝐺௠ி௢௥ of APTMS: 60.3 µS →  𝐺௠ி௢௥of rGO: 62.7 µS) also suggests the formation of highly 4 

conductive rGO layers at the solution-FG interface.  5 

In Figure 6b, neutralizing antibodies and the BSA blocking layer, however, increase 𝑉୲୦  relative to bare rGO 6 

surfaces (𝑉୲୦ of antibody/BSA: 1.43 V). It is noted that insignificant device-to-device variations are shown for all 𝑉୲୦ levels 7 

with antibody probes on the rGO, which were obtained by averaging the absolute values of each 𝑉୲୦ over at least eight 8 

samples. 𝑉୲୦  levels of antibody-functionalized rGO layers rather have a dependency of BSA incubation time. That is, 9 

overnight BSA incubation largely increases 𝑉୲୦ close to those of bare SiO2 and APTMS/SiO2 while increasing 𝐺௠ி௢௥ loss of 10 

the system. This suggested a formation of thick layer of protein in terms of hydrophobic bonding of protein on rGO surfaces 11 

covering the most 2D rGO layer areas for this long-term incubation. The resultant non-conductive protein interfaces led to 12 

high 𝑉୲୦ levels close to 1.8 V which were shown by non-conductive surfaces such as SiO2 or APTMS/SiO2 surfaces. It is 13 

noted that this characterization could only be done by achieving the isolation of 2D materials of rGO layer in the solution 14 

interface by our RFGFET structure.  15 

We measured eight different rGO devices with 4 hours incubation with BSA and n-antibodies (250 µg/ml) in the 16 

following S protein tests. Increasing concentrations of S proteins on an antibody-functionalized rGO surface induced 17 

additional positive surface potentials5, with saturation occurring at the concentration of S proteins above 34 ng/ml (Figure 18 

6c, S20). ∆𝑉௧௛ calculated at a difference in 𝑉୲୦ at each S protein concentration and baseline 𝑉୲୦ is used to minimize effects 19 

of baseline 𝑉୲୦ changed by BSA incubations on the calculation of sensitivity. Each ∆𝑉௧௛ point in Figure 6c was obtained 20 

from the last point of ∆𝑉௧௛ for 20 measurements (5 min testing time) at each concentration in Figure S21. All ∆𝑉௧௛ sensing 21 

curves obtained after measurements for at least 2.5 min displayed stable sensing curves in ∆𝑉௧௛ but longer measurement 22 

time of 5 min was chosen to obtain stable ∆𝑉௧௛ levels in quasi-equilibrium, which minimizes the impact of measurement 23 

time and drift on the sensitivity of devices (Figure S22). 24 

The increased concentration of neutralizing antibodies on the rGO surface from 20 to 250 µg/ml revealed a higher 25 

sensitivity and resolution over all ranges of S protein concentrations. For rGO layers functionalized with 250 µg/ml of 26 

neutralizing antibody, the sensitivity was measured to be 6.3 mV/dec, with an R2 of 0.986 at a concentration range of 3.4 27 
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pg/ml to 34 ng/ml in a PBS buffer solution. We defined a LOD at the concentration of S proteins showing a clear signal in 1 

∆𝑉௧௛ which is distinguishable from the maximum fluctuation in baselines (ca. 10 mV) that could occur for any measurement 2 

conditions (Figure S22). Thus, the guaranteed LOD is a few pg/ml. After measuring the S protein, the FG surfaces were 3 

washed five times with a pure PBS solution and then sequentially measured in a pure PBS again to confirm the remaining 4 

binding signals after washing (Figure S21). A higher sensitivity was maintained for rGO surfaces functionalized with 250 5 

µg/ml antibodies, possibly because of a larger number of binding events between the antibody and the S protein, even after 6 

washing. After completing all the measurements, we then measured the FG surface for the pH2 buffer solution (Figure 7 

S21). A sharp shift in the 𝑉୲୦ in pH2 resulted from ∆𝜑௦ of the rGO layers by pH, indicating the presence of sturdy rGO 8 

layers, even after conducting all the sensing experiments.  9 

Opposite ∆𝑉୲୦ was observed from a bare rGO layer contacted with the same concentrations of S protein and BSA 10 

(Figure 6d, S23), supporting the specificity of our results above and strong non-specific binding of proteins on rGO surfaces 11 

in terms of hydrophobic interactions. This result, however, suggests the essential needs for blocking layers for FET 12 

bioelectronics to prevent further non-specific binding. Our electrical detection signals were verified by the ELISA 13 

experiments shown in Figure 6e. We used antibody conjugated-rGO substrates processed identically to Figure 6c as a 14 

starting surface for ELISA testing by directly placing them on a new well plate to process the rest of ELISA protocol. The 15 

antibody conjugated-rGO surface with S proteins showed distinguishable signals compared with those with bare rGO 16 

surfaces without antibody conjugation as the control group. This result explicitly showed n-antibodies were successfully 17 

functionalized on our rGO surfaces. Moreover, the ELISA signals further increased by 50% by increasing the antibody 18 

concentration from 20 µg/mL to 250 µg/mL (Figure 6e), which corresponds to our electrical measurements.  19 

Finally, the detection of S proteins was performed in a solution mixture of artificial saliva and 0.05ൈ PBS with a 20 

ratio of 1:20 in order to demonstrate the potential of our device platform for practical diagnosis (Figure 6f). Each ∆𝑉௧௛ in 21 

Figure 6f is an average of 5 samples. The PBS solution in this mixture plays a role of controlling pH of testing media at 22 

pH7.4. This dilution ratio was chosen by finding the minimum dilution ratio of the PBS solution that preserves the pH value 23 

of a mixture solution at 7.4 (Figure S24). This is especially important for reproducibility of signals because divergent pH 24 

of patient’s saliva in a range from 6.2 to 7.6 could affect changes in isoelectric point of proteins on sensing surfaces. The 25 

sensitivity in saliva-relevant fluids was measured to be 5.1 mV/dec, with an R2 of 0.984 and CV < 3% (from raw values of 26 

𝑉௧௛ over 5 samples), in a range from 500 fg/ml to 5 ug/ml (Figure 6f) while the guaranteed LOD is at pg/ml considering 27 
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the maximum fluctuation value (ca. 10 mV) in baseline. Our LOD is not as low as other pervious solution-gated 2D FET 1 

sensor research6 although both the RFGFET and conventional solution-gated structures have the same solution interface, 2 

i.e., between the 2D material and the media solution. For RFGFET, changes in surface potentials are capacitively transferred 3 

to the FET transducer as the 2D interface is isolated by the insulator, which suppresses many noise factors but also leads to 4 

some loss in specific signals due to the additional process for signal transmission over the insulator. In contrast, for 5 

conventional solution-gated structures, all changes in surface potentials on the 2D interface are directly read out by the same 6 

2D semiconductor, which enables higher sensitivity and lower LOD for targeting biomarkers than our RFGFET but allows 7 

non-ideal signaling to be incorporated into output signals. We would like to emphasize again that the success of COVID-8 

19 FET sensors now depends on how reliable and stable devices are rather than how sensitive they are because reported 9 

FET sensors display a sensitivity that is more than enough compared to conventional optical-based analytical tools.9 10 

Conclusion 11 

To elucidate the critical mechanistic factors behind the instability of rGO layers, we constructed an rGO sensing 12 

membrane in the RFGFET setup for rapid and reliable diagnostic tools for detecting COVID-19 as an alternative to current 13 

LFAs and RT-PCR methods. We performed a comprehensive systematic analysis of the pH sensing properties of rGO layers 14 

affected by their thickness, coverage, and reduction temperature. FG configuration is essential for reducing large device-to-15 

device variations of 2D materials-based bioelectronics. The high conductivity of rGO obtained by high reduction 16 

temperatures increased hydrophobicity by reducing oxygen functional groups. A high conductivity achieved by dense 17 

networks of rGO plus a minimum reduction temperature leads to the optimal transducing properties, showing a pH 18 

sensitivity of 54 mV/pH with an R2 value of 0.998 and CV < 3%, 90% yield, and a low drift ratio of 2%. As a proof-of-19 

concept, we demonstrated highly reproducible and reliable detection of the COVID-19 S proteins in both 0.05ൈ PBS and a 20 

saliva mixture. In response to concentrations of S proteins, our RFGFET sensors displayed the sensitivity of 6.3 mV/dec 21 

(3.4 pg/ml to 34 ng/ml) for a 0.05ൈ PBS environment and 5.1 mV/dec (500 fg/ml to 5 µg/ml) with CV < 3% for a saliva 22 

mixture solution. The guaranteed LOD of S proteins was at a few pg/ml. The sensitivity and specificity of the SARS-CoV-23 

2 S protein were also confirmed by ELISA. This platform may have an immense effect on positioning FET bioelectronics 24 

in a clinical setting for COVID-19 detection. 25 

 26 

27 
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Experimental Section 1 

RG module fabrication. The cleaned 4-in silicon wafer with a 300-nm-thick SiO2 was treated with an oxygen 2 

plasma for 5 min at 250 W under an O2 flow rate of 10 sccm in order to introduce hydroxyl groups on SiO2 surfaces. The 3 

wafer was fully immersed and incubated in a 5% APTMS (Sigma Aldrich, 281778) solution dissolved in ethanol (Sigma 4 

Aldrich, 459836) for 1 h. After washing the surface, the wafer was heated at 120 °C for 20 min. Then, GO solutions of 0.12, 5 

0.24, 0.48, and 0.59 mg/ml were prepared by dispersing GO (ACS Material, 7782-42-5) in deionized water aided by 6 

ultrasonication for 20 min. Each GO solution was spin-coated on an APTMS/SiO2 wafer under 1,600 RPM for 1 min. In 7 

heat-assisted drop-casting, 16 ml of 0.12 mg/ml solution was drop-casted over the entire area of a 4-in wafer and then baked 8 

at 120 °C for 1 h. The GO/APTMS/SiO2 wafers were sliced to 1 x 2 cm2 for an RG module. The post-annealing of each GO 9 

RG module was performed using a horizontal furnace for 5 min under an argon gas environment, with temperatures of 200, 10 

300, and 400 °C. The surface images were acquired by scanning electron microscopy (SEM). 11 

Preparation of n-antibody-conjugated rGO layers and testing media. The fabricated rGO RG modules were 12 

fully immersed in a 10 mg/ml 1-pyrenebutyric acid N-hydroxysuccinimide ester, 95% (PBASE) (Santa Cruz Biotechnology, 13 

114932-60-4) solution for 2 h. After washing the rGO surfaces, 20 or 250 µg/ml SARS-CoV-2 neutralizing antibody (Sino 14 

Biological, 40592-MM57) was incubated on the rGO surface at least for 4 h. Sequentially, 10 mg/ml BSA solution dissolved 15 

in 1ൈ PBS was added at least for 4 h. The SARS-CoV-2 S protein (Sino Biological, 40592-V08B) was diluted in 0.05ൈ 16 

PBS to concentrations of 34 fg/ml to 3.4 µg/ml for testing media. Also, S proteins were diluted in a mixture solution of 17 

0.05ൈ PBS and artificial saliva (Fisher Scientific, NC1873811) with a ratio of 20:1 to concentrations of 500 fg/ml to 5 18 

µg/ml for testing media. Initial pH of the artificial saliva was 6. 19 

Electrical measurement system. A commercial FET (CD4007UB) was used as a transducer to investigate the 20 

fabricated RGs, as previously discussed. An aqueous solution at a defined pH was placed on each RG surface. An Ag/AgCl 21 

reference electrode was placed in the solution in order to apply the gate bias for all measurements. All transfer curves were 22 

measured using a Keithley 4200A semiconductor analyzer with a drain voltage set at 50 mV, and the gate voltage remained 23 

in the double-sweep mode. Transfer curves of the RGFET were repeatedly measured for 20 cycles under a pH solution in a 24 

range from pH2 to 11. The 𝑉௧௛ was calculated as the gate voltage corresponding to drain current of 1 µA in each transfer 25 

curve. The 𝐺௠ of each RGFET was calculated at its maximum value. 26 
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ELISA protocol. The antibody-conjugated rGO substrates sliced to 0.5 x 0.5 cm2 were placed in a new 48-well 1 

plate. Each rGO substrate was washed gently three times with 1ൈ PBS including 0.05% Tween 20. Sequentially, 200 μL 2 

biotinylated spike protein prepared in 1ൈ assay buffer at a concentration of 1 μg/ml (Biolegend) was incubated on each rGO 3 

substrate for 2 h under 300 rpm at room temperature. After gently washing each rGO surface three to five times with 1ൈ 4 

PBS including 0.05% Tween 20, 200 μl avidin-HRP (Biolegend) diluted 1,000 times in 1ൈ assay buffer was incubated for 5 

30 min with 300 rpm shaking under room temperature, then gently washed five times using 1ൈ PBS including 0.05% Tween 6 

20. The samples were soaked in the buffer for 30 s during each wash. Then, 200 mL 3,3′,5,5′-tetramethylbenzidine substrate 7 

was further added into each well and incubated for 30 min under dark. Finally, 200 μL stop reagent (2N H2SO4) was added, 8 

and the resulting solutions in each well were transferred to another new 48-well plate for measurements. The absorbance 9 

values were read at 450 nm using a microplate reader. 10 
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Figure captions 1 

Figure 1. (a) Schematic images and equivalent circuits of the RFGFET system. AFM and SEM images of the 2D rGO layer 2 

on the FG surface made by a heat-assisted drop-casting method and reduced at 200 °C. Schematic images of (b) conventional 3 

RGFET and (c) rGOFET structure. (d) Transfer curves of rGO RFGFET measured for 50 gate voltage cycles in pH7 solution. 4 

(e) Transfer characteristics of rGOFET with rGO identically processed to (a) measured for 50 gate voltage cycles via the 5 

bottom gate without any solution environment on the rGO layer. (f) Drift rate of Si-FET, rGO RFGFET, and rGOFET.  6 

Figure 2. SEM images of GO layers (a) spin-coated with 0.12 and 0.59 mg/ml GO solutions and (b) made by a heat-assisted 7 

drop-casting method. (c) Raman and (d) XPS spectra of rGO layers spin-coated with 0.12 and 0.59 mg/ml GO solutions, 8 

and multilayer rGO made by a heat-assistant drop-casting method, respectively. All rGO layers were reduced at 200 °C. 9 

Figure 3. 𝐸ோீ  and 𝐺௠ distributions of (a) SiO2 and (b) APTMS/SiO2 that are measured by forward- and reverse-sweeping 10 

modes with increasing pH values over time. Each 𝐸ோீ  and 𝐺௠ is averaged with at least seven trials for each measurement. 11 

(c) Representative transfer curves of SiO2 and APTMS/SiO2 at saturation regime in pH7.  12 

Figure 4. 𝐸ோீ  and 𝐺௠ distributions over at least four samples with pristine GO surfaces spin-coated with (a) 0.12 mg/ml 13 

and (b) 0.59 mg/ml GO solutions and (c) 2.5 µm-thick GO films for increasing pH over time. (d) Representative transfer 14 

curves of spin-coated and drop-casted GO layers in pH7 at saturation regime. (e) 𝐸ோீ
ி௢௥ distributions of spin-coated and drop-15 

casted GO layers vs. pH value. (f) 𝐺௠ loss in pH7 vs. the type of RG surface. Inset shows schematics for surface property 16 

changes by concentrations of GO flakes. (g) 𝐸ோீ  distributions in pH7 at saturation regime vs. the type of RG surface. 17 

Figure 5. 𝐸ோீ
ி௢௥ distributions of (a) 0.59 mg/ml GO layers and (b) 2.5 µm-thick GO films at different reduction temperatures 18 

over at least four samples as a function of increasing pH over time. (c) pH sensitivity of 0.12 and 0.59 mg/ml GO layers and 19 

2.5 µm-thick GO film as a function of reduction temperature. pH sensitivity is directly calculated by using 𝐸ோீ
ி௢௥ values. (d) 20 

𝐺௠ reduction of 0.12 and 0.59 mg/ml GO layers and 2.5 µm-thick GO film in pH7 vs. the reduction temperature. (e) 𝐸ோீ
ி௢௥ 21 

distributions of spin-coated or drop-casted rGO films over at least four samples as a function of increasing pH; CV values 22 

of multilayer rGO were calculated by using 𝑉௧௛ of 9 different multilayer rGO layers for each pH showing a 90% yield (9 23 

samples out of total 10). (f) pH sensitivity and drift rates in pH7 solutions.  24 

Figure 6. (a) Response of transfer curves depending on surface modifications on FG. (b) 𝑉 ௧௛  and 𝐺௠ி௢௥  distributions 25 

depending on surface modification on FG. (c) ∆𝑉 ௧௛  of antibody-functionalized rGO (20 or 250 µg/ml antibody) vs. 26 
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concentrations of S protein. (d) ∆𝑉 ௧௛ or 𝐺௠ி௢௥ loss of bare rGO vs. concentrations of S protein or BSA. (e) ELISA detection 1 

of S protein using an antibody-conjugated rGO surface. (f) ∆𝑉 ௧௛  and CV of antibody-functionalized rGO (250 µg/ml 2 

antibody) over 5 different devices vs. concentrations of S protein in an artificial saliva mixture.  3 
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