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Abstract
Two-dimensional (2D) materials hold great promise for future applications, notably their use as biosensing channels in 
the field-effect transistor (FET) configuration. On the road to implementing one of the most widely used 2D materials, gra-
phene, in FETs for biosensing, key issues such as operation conditions, sensitivity, selectivity, reportability, and economic 
viability have to be considered and addressed correctly. As the detection of bioreceptor-analyte binding events using a 
graphene-based FET (gFET) biosensor transducer is due to either graphene doping and/or electrostatic gating effects with 
resulting modulation of the electrical transistor characteristics, the gFET configuration as well as the surface ligands to be 
used have an important influence on the sensor performance. While the use of back-gating still grabs attention among the 
sensor community, top-gated and liquid-gated versions have started to dominate this area. The latest efforts on gFET designs 
for the sensing of nucleic acids, proteins and virus particles in different biofluids are presented herewith, highlighting the 
strategies presently engaged around gFET design and choosing the right bioreceptor for relevant biomarkers.
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Introduction

Field-effect transistors (FETs) are at the center of modern 
semiconductor technologies and are supporting a wide range 
of emerging applications. Despite their broad applications, 
voltage-driven FETs have a drawback of being highly sus-
ceptible to the overloaded gate voltage, with large voltage 
gate stress resulting in the breakdown of the gate dielectric 
or semiconductor barrier layer between the gate and the 
channel. The next generation of electric devices can be made 
a reality thanks to emerging two-dimension (2D) materials, 
crystalline materials with a single layer of atoms, or chemi-
cal compounds with a thickness of less than a nanometer. 
Carbon-based 2D materials such as graphene, as well as 

transition metal dichalcogenides (e.g.,  MoS2,  WS2,  WSe2, 
 MoTe2), hexagonal boron nitride (h-BN), black phosphorus 
(BP), and transition metal oxides, have been investigated 
over the last decade as gate materials in FET technologies 
[1-4]. The first 2D material to be discovered and employed 
is graphene and remains the only 2D material with potential 
large-scale commercial applications so far. While the zero-
band gap disqualifies graphene in digital circuits due to a 
small current on/off ratio, it has developed into a widely 
used gate material for biological FETs (bioFETs) and point-
of-care-based biomedical devices [5]. The pioneering work 
of Mohanty et al. [6], using a graphene-based FET (gFET) 
for the detection of hybridization between single-stranded 
tethered DNA and its complementary sequence, gener-
ated a larger interest in integrating graphene in bioFETs. 
Easy operation, fast response time, real-time monitoring in 
a label-free manner, and access to a wider range of con-
trolled surface chemistry approaches for anchoring biore-
ceptors together with multiplexing capability and possible 
microfluid integration are some key advantages of using 
graphene sensing channels in bioFETs. What makes that 
after all these years of scientific efforts by a large number of 
research laboratories and teams, the dream of a commercial 
gFET biosensor has not come true? The design of gFET 
sensors requires several key steps including the primary 
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graphene transfer to the substrate, but also a set of at least 
three electrodes to operate the transistor in liquid environ-
ments necessary for biological sensing. In addition, there is a 
need for gFET-adapted biorecognition elements allowing the 
specific capture of a target analyte and guiding via its affin-
ity constant the limit of detection (LoD) of the sensor. This 
critical review will focus on the aspects of gFET layout and 
appropriate bioreceptors and their immobilization strategies, 
two aspects of the future of gFET biosensors.

Design considerations of biological gFETs

General consideration of biological gFETs

A typical  gFET biosensor consists of a graphene channel 
between the source and drain electrodes on an insulating 
substrate. The density of charge carriers in this graphene 
channel, and hence the current, is modulated by a local elec-
trostatic field, which is itself changed by modulations in the 
environment around the channel. The fundamental elements 
of a gFET are the source/drain contacts, the gate electrode, 
and the 2D graphene channel for sensing (Fig. 1a). Depend-
ing on the positing of the gate, one can distinguish a variety 
of gFET configurations including next to others back-gated, 
top-gated, and liquid-gated concepts. The interest in using 
graphene over other materials is due to its atomically thin 
geometry, which makes its electrical conductance highly 
responsive to bioreceptor-analyte binding events close to 
the graphene surface. The way the bioreceptor is immobi-
lized onto the graphene channel together with its charge will 
influence the sensing performance of the gFET in the same 
manner as will be the size and the charge of the analyte. 
The application of a gate voltage (VG) creates an electric 
field on the graphene channel, modulating the conductivity 
of graphene and consequently the drain-source current (IDS) 
(Fig. 1b). In the case of gFET, such transfer curves are char-
acterized by a minimum conductivity, the Dirac point (VDirac), 
which is generally observed at zero gate voltage (VG = 0) 
(Fig. 1b). When a target molecule binds to the receptor on 
the graphene surface, the redistribution of electronic charge 
generates a change in the electric field across the FET chan-
nel region, which changes the electronic conductivity in the 
channel and the overall device response (Fig. 1b). While sim-
ilar devices have been fabricated with silicon FETs for years, 
limited sensitivity and poor selectivity was achieved. Indeed, 
the sensitive detection of bioreceptor-analyte binding events 
in a gFET is related to either graphene doping effects by 
direct charge transfer between the formed bioreceptor-analyte 
duplex and the graphene channel and/or electrostatic gating 
effects (Fig. 1b). Gating effects are ascribed to the accumula-
tion of charges on the graphene surface arising from biore-
ceptor-analyte binding, resulting in a local external voltage 

drop across the channel. If VG < VDirac, with VDirac being the 
charge neutrality point equivalent to the minimum conduc-
tivity, called Dirac point, then the Fermi level is located in 
the valence band and holes are the majority charge carriers, 
conversely, if VG > VDirac then the Fermi level is located in 
the conduction band and electrons are the majority charge 
carriers (Fig. 1b). Positively charged analytes result generally 
in a shift of VDirac to more negative gate voltages. In contrast, 
the negatively charged target molecules will increase the den-
sity of holes in graphene and generate a positive shift. The 
left branch of the transfer curve (Fig. 1b) represents thus an 
increasing density of positive charge carriers (holes), while 
the right branch corresponds to increased negative charge 
carriers (electrons), both branches extending linearly from 
the Dirac point according to Eq. (1):

with the slope gm (transconductance) being depending on 
the width (W) and the length (L) of the graphene channel as 
well as on the mobility of charge carriers (µ) and the gate 
capacitance (Cg).

Back‑gated gFETs for biological sensing

Due to the influence of the gate capacitance on IDS, the choice 
where the gate is positioned becomes of high importance for 
biosensing applications. Si|SiO2 remains the preferred sub-
strate, owing to its well-established compatibility with nano-
electronics and the use of back-gating still seizes attention 
among the sensor community. Other solid substrates such as 
quartz [7, 8] and glass have lately been more widely used, but 
in connection with liquid-gated biosensing [7]. In back-gated 
configuration, Cg is dominated by the insulating layer sepa-
rating the graphene channel from the gate which is typically 
100 nm to few µm and thus requires the application of rather 
high VG voltages to drive the FET device. A back-gated gFET 
for opioid sensing down to 10 pg  mL−1 based on chemically 
bonded μ-opioid receptor proteins was recently proposed by 
the A. T. Charlie Johnsons’s group (Fig. 2a) [9].

The gFET sensor was functionalized with a computation-
ally designed water-soluble variant of the human μ-opioid 
receptor (G protein–coupled receptor) using 4-carboxyben-
zenediazonium tetrafluoroborate, which produced carboxylic 
acid sites on the graphene, which were further activated and 
stabilized with 1-ethyl-3-[3-dimethylaminopropyl] carbo-
diimide hydrochloride/sulfo-N-hydroxysuccinimide (EDC/
sNHS). Electronic measurements of the source-drain current 
as a function of the back-gate voltage following each step of 
the functionalization procedure showed reproducible shifts 
in conductance. The proposed mechanism for the concentra-
tion-dependent change in VDirac is linked to a conformational 
change in the binding pocket of the μ-opioid receptor upon 

(1)IDS = gm(VG − VDirac)withgm = (W∕L)�CgVDS
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naltrexone binding, which alters the electrostatic environment 
of the gFET and results in a “chemical gating effect. The pos-
sibility for the sensing of exosomes (0.1–10 μg  mL−1) with 
a back-gated antibody-modified gFET was recently demon-
strated (Fig. 2b) [10]. As the exosomes are negatively charged 
and interact with the antibody-modified graphene channel 
acting as a dielectric layer, a positive charge accumulation 
in the graphene is detected. The maximum thickness of the 
functionalization layer was estimated at about 12 nm, 2 nm of 
the surface linkage, and 10 nm of the antibody, and sensing in 
low ionic strength solution (0.001 × PBS) was performed only 

to overcome Debye length screening limitations. Interestingly 
binding between the exosomes and antibodies occurred under 
these low ionic strength conditions.

Recently, a buried-gate electrode formed via a bilayer 
lift-off photolithography process was proposed for interleu-
kin-6 (IL-6) sensing [11] and overcame the requirement for 
the application of high VG voltages to drive the FET device. 
The planar gate electrode consisting of a Cr/Au structure 
(2 nm/43 nm in thickness, respectively) was defined on  SiO2/
Si, coated with a 30 nm  HfO2 thick dielectric using atomic 
layer deposition (ALD) system onto which a gold-based 

Fig. 1  Graphene field-effect 
transistor assemblies: a sche-
matic illustration of back-gated, 
top-gated, liquid-gated, and 
co-planar configurations. b 
Transfer curves (IDS vs. VG) and 
change in position of Vdirac upon 
sensing with positively (green) 
and negatively (brown) charged 
analytes
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drain/source electrode was formed and chemical vapor depo-
sition (CVD) graphene transferred (Fig. 2c). The electrical 
signal was wirelessly transmitted to a smart-phone through 
a Wi-Fi connection for visualizing the trend of the cytokine 
concentration change reaching a LoD of 12 pM for interleu-
kin-6 (IL-6) in saliva. This is one of the several examples of 
the potential of a portable gFET for disease diagnostics at 
an early stage in complex high ionic strength solutions such 
as saliva paving a new avenue for monitoring conditions of 
the high-risk population. Still, the construction of the device 
requires adapted clean room facilities making its wider appli-
cation out of research laboratories currently of limited use.

Flexible electronics has become a very active research field, 
driven by a potentially enormous market for smart and wearable 
devices. Polymeric substrates such as polyimide have become 
attractive for flexible electronics [12-16] and flexible gFETs are 
an active research direction [12]. Initial steps toward develop-
ing flexible aptamer-based FET biosensors, for example, for 

neurotransmitter monitoring are that by Zhao et al. [14] based 
on nanometer-thin-film  In2O3 back-gated FETs.

Top‑gated and co‑planar gated gFET‑based 
biosensors

Top-gated gFETs are widely found in publications related 
to radio frequency applications [17, 18] and are indeed a 
suitable approach to applications where a thin oxide layer 
gate is advantageous to exert more control over the electro-
statically doped carriers in the channel with lower gate bias 
required to modulate the channel. A top-gate-based electrode 
(10 nm/60 nm Ti/Au) (Fig. 3a) was defined for example on 
graphene-coated Si/SiO2 post-modified with source and 
drain electrodes (10 nm Ti/50 nm Au) by a series of steps 
that include photolithography, e-beam evaporation, and lift-
off, resulting in a top-gate channel length of 48 μm [19]. 
Strain sensing was performed on this device, but there is 

Fig. 2  Back-gated  gFET for 
biosensing: a (left) transfer 
characteristics before and after 
exposure to naltrexone of a 
back-gated gFET array and 
(right) change of VDirac with 
increasing naltrexone concentra-
tion (reprint with permission of 
ref. [9]). b Exosome sensing on 
back-gated gFET modified with 
anti-CD63 antibody via 1-pyr-
enebutyric acid N-hydroxysuc-
cinimide ester (PBASE) linkers 
alongside the change in Vt, 
being the position of the Dirac 
point at a given time point, over 
time upon addition of different 
concentrations of exosomes 
(reprint with permission from 
ref. [10]). c Buried-gate-based 
gFET for sensing of IL-6 by 
recording changes in the equi-
librium ΔV/ΔVmax as a function 
of IL-6 concentration (dashed 
lines are a least-squares fit to 
the Hill − Langmuir equation, 
yielding equilibrium dissocia-
tion constants (KD) in gargle 
solution (green) and 1 × PBS 
(blue) (reprint with permission 
from ref. [11])
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currently no biological application reported. The difficulty of 
growing an oxide on top of the graphene, without damaging 
its lattice and thus degrading the mobility of its free carriers, 
remains a hurdle and limits this approach strongly.

A flexible co-planar gated gFET, applied for consistent 
and time-resolved detection of cytokines in human bioflu-
ids and allowed for the sensitive detection of TNF-α and 
IFN-γ with limits of detection down to 2.75 and 2.89 pM, 
respectively [20]. However, this area is still in its infancy, in 
particular, when compared to organic field-effect transistors 
(OFETs) a focused research hotspot in recent years because 
of the fast development of flexible electronics [21].

Liquid‑gated gFET‑based biosensors

As biomolecules such as proteins and nucleic acids are pre-
sent in biological fluids, co-planar and liquid-immersed-gate 
configurations are largely favored in biological gFET design 

as it allows for sensing in the fluid sample directly without 
intermediate drying steps. It is the electrical double layer 
(EDL) formed at the graphene/electrolyte interface rather 
than the position of the gate electrode which determines the 
capacitance as it acts like a very thin dielectric layer. The 
resulting capacitance (Ctotal) is much larger than that of back-
gated dielectric and is determined by Eq. (2):

with Cq being the quantum capacitance originating from 
changes in total charge to chemical potential (Fermi level, 
EF) dQ/dEF of the 2D material, Cdl is the double layer capac-
itance of the 2D/electrolyte interface, εr corresponds to the 
relative permittivity of the electrolyte, εo is the vacuum per-
mittivity, A is the area of the graphene channel, and λD is the 
Debye length. 2D materials such as graphene exhibit a high 
Cq and a small change in its density of state results in a sig-
nificant change in its Fermi level. As Cdl is usually one order 

(2)Ctotal = [1∕Cq + 1∕Cdl]
−1 with Cdl = �r�oA∕�D

Fig. 3  Top and liquid-gated gFET for sensing: a top-gated gFET 
design coupled with biodegradable piezoelectric material–based 
dynamic pressure sensor (reprint with permission of ref. [19]). b IDS 
vs. VG of a liquid-gated gFET based on gold interdigitated electrodes 
(IDE) covered with CVD graphene modified with ethynyl functional 

groups as well as aptamers [22]. c Influence on IDE architecture 
on (left) IDS vs. VG curves,  (middle) Ratio of ID/IG (dark blue) and 
I2D/IG (bright blue) peak intensities and (right) shift of the Dirac point 
upon the addition of MPP-9 in 1 × MOPS to aptamer-modified chips 
(unpublished results)
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of magnitude larger than Cq, it leads to a dominant contribu-
tion of Cq to the total capacitance. Any accumulation of the 
analyte on the bioreceptors will lead to a considerable shift 
of the Fermi level, resulting in the high sensitivity of these 
gFET biosensors. This means that gate potentials applied 
across the EDL are at least two orders of magnitude more 
efficient than through the back-gate with a much smaller 
sweeping range of VG required to capture the linear p and 
n branches being in the order of ± 1 V compared to ± 10 V 
for thin oxides and ± 100 V for thicker oxide layers in the 
back-gated configuration. The avoidance of unwanted water 
hydrolysis as a side reaction during the gate bias sweep in 
liquid media and other electrochemically driven reactions 
motivates the choice of the liquid or in-plane gated gFET 
configuration.

Our team together with others have extensively investigated 
interdigitated gold electrodes printed onto glass slides as a base 
for the construction of liquid-gated gFETs (Fig. 3b) [22-26]. 
Interdigitated gold electrodes (IDE) consisting of 90 electrode 
pairs of 10 µm in length with a 10 µm separation and a total 
surface area of 9.62  mm2 (r = 1.25 mm) were coated with CVD 
graphene in this case. We could show that electrochemical 
reduction of 4 [(triisopropylsilyl)ethylenyl]benzenediazonium 
tetrafluoroborate (TIPS-Eth-ArN2

+) followed by the chemi-
cal deprotection of the triisopropylsilyl (TIPS) function leads 
to gFET devices with largely improved drain-source current 
(IDS) as a function of gate voltage (VG) with hole and electron 
mobilities reaching 1739 ± 376  cm2  V−1  s−1 and 1698 ± 536 
 cm2  V−1  s−1, respectively [22] and well adapted for further 
sensing. To get a better understanding of the influence of 
the IDE design, the IDS/VG characteristics of gFETs formed 
on interfaces with a varying number of IDE (Fig. 3c) were 
compared. Decreasing the number of IDE further resulted in 
gFET with significantly lower charge mobilities in the elec-
tron and hole regions. The intensity ratio for the D, G, and 
2D Raman bands is often used as a criterion to assess the 
graphene quality. The Raman intensity ratios, ID/IG and I2D/IG, 
are comparable for all devices and indicate little defects and 
thus high-quality transferred graphene (Fig. 3c). Devices 1, 
2, and 6 were in addition modified with an aptamer specific 
for MMP-9 as reported previously [27]. While devices 2 and 
6 showed smaller changes in VDirac, the sensing sensitivity for 
MMP-9 in 1 × MOPS buffer remained comparable in all cases, 
suggesting no influence of the width/length ratio of the sensing 
channel area and charge mobility.

Gao et al. [28] reported lately the development of a flex-
ible liquid-gated biosensor for ultra-sensitive and specific 
detection of miRNA with LOD as low as 10 fM within 
20 min. The device was fabricated on a flexible polyimide 
substrate and integrated with a microfluidic chip containing 
an inlet and an outlet for sample loading and gate electrode 
placement in the liquid-gate solution. The work provides 

hope for developing flexible and wearable biosensor plat-
forms for future POC diagnostics.

For liquid-gated gFETs, the Debye length λD (Fig. 4a), how-
ever, plays a key role in the sensing performance of the sensor. 
The Debye length is the distance at which the potential of a 
net charge is screened to 1/e of its maximum value by mobile 
ions in the medium. According to the Debye-Hückel model, 
charged molecules in solution are screened by mobile counter-
ions such that their electrical potential is exponentially damp-
ened with distance λD being the decay constant called Debye 
length which is given by Eq. 3:

with kB being the Boltzmann constant, T the absolute tem-
perature, NA the Avogadro’s number, e the electron charge, 
I the ionic strength, and ρi and zi the density and valence 
of the ion species i, respectively. Charges located outside 
λD are considered out of range for electrostatic gating-
based detection by a FET sensor (Fig. 4a). Under physi-
ological conditions (> 150 mM or 1 × phosphate-buffered 
saline (PBS)), this accounts for λD = 0.7 nm, and increases 
to 2.4 nm (0.1 × PBS) and 7.4 nm in lower ionic strength 
solutions (0.01 × PBS). With the length of antibodies being 
around 10–15 nm or with a 30-base aptamer of about 10 nm, 
there is an intrinsic mismatch in dimensions between the 
bioreceptor and the charge screening. As pointed out lately 
by Soh and his group [29], the concept of double-layer 
crossing (orange cross section in Fig. 4a) is often overseen. 
Despite this challenge, the application of gFET sensors in 
science has been possible via the implementation of innova-
tive strategies. To generate an electrical signal change, the 
target molecule’s double layer (pink in Fig. 4a) must interact 
with the graphene double layer (yellow in Fig. 4a) (Fig. 4a). 
If the target creates sufficiently high double-layer potentials, 
signals can be detected even if the target binds many Debye 
lengths away from the electrode. While this concept has 
not been further developed until now, it was in 2015, when 
Gao et al. [30] demonstrated that a poly(ethylene glycol) 
(PEG) surface (Fig. 4b) coating decreased charge screening 
on FET-based biosensor and increased considerably the λD. 
It was shown that the detection of prostate-specific antigen 
(PSA) in 0.1 M PBS buffers is possible by co-immobilizing 
a PSA-specific aptamer on the electrode alongside the PEG 
coating (Fig. 4b) [30]. Indeed, next to the well-organized 
charged layer on top of graphene and guiding the Debye 
length, in the presence of a PEG layer on graphene, any 
charges or dipoles leading to a charge within that immobi-
lized ion-permeable layer requires an extra accumulation of 

(3)

�D(nm) =

�
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2
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Fig. 4  Debye length screening hurdle and different strategies to over-
come this for gFET biosensors: a correlation of bioreceptor size with 
Debye screening length in solution of different ionic strengths. The 
electrical double layer formed on the graphene interface is in yel-
low and that of the analyte is shown in pink. The cross section of 
these electrical double layers is in orange. b Effect of high molecu-
lar mass poly(ethylene glycol) (PEG)-modified gFET on the Debye 
length and its effect on the concentration-dependent measurements 
of PSA (10  nM) in 100  mM  PB (reprint with permission from ref. 

[30]) as well as the obtained change of IDS vs. the PBS concentration 
of the aptamer only, and for the aptamer/PEG gFET [23]. c Scheme 
of crumpled gFET DNA sensor where the blue dot lines represent 
the Debye length in the ionic solution. SEM images of crumpled gra-
phene: scale bar is 5 µm (left) and 500 nm (right) (reprint with per-
mission of ref. [37]). d (left) Use of nanobodies instead of antibod-
ies and (right) a combined strategy of nanobodies and PEG chains to 
overcome Debye limitations
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a counter-ion within the layer to maintain charge neutrality. 
This difference in the concentration of ions between the bulk 
solution and that in the immobilized protein layer creates a 
Donnan potential extending beyond the Debye length, in this 
ion-permeable PEG [31, 32]. The partially hydrated PEG 
changes the interfacial capacitance of the gFET with higher 
molecular weight PEG being preferable over lower weight 
ones. Too long PEG chains will however increase binding 
kinetics due to diffusion limitations between the bioreceptor 
and the analyte via the PEG layer [33]. Since then, PEG has 
become essential in gFET sensing for overcoming fouling 
issues as well as Debye length screening effects.

We together with others have followed a similar approach 
for the sensing of cardio troponin I (cTnI) in serum of 
patients [23] using a liquid-gated gFET configuration. 
The device responses were, as excepted, sensitive to the 
ionic strength of the solution as seen upon the change in 
IDS of the aptamer:PEG-modified GFETs upon exposure 
to 240 pg  mL−1 of cTnI in PBS at different concentrations 
(Fig. 4b). The change in IDS was smaller upon increasing 
ionic strength solution with signals detectable in 0.1 M 
clearly, while an aptamer-only-modified gFET revealed no 
current change already in 0.01 M PBS. To push further and 
realize sensing in serum samples, de-salination of the serum 
through a Sephadex® (cross-linked dextran gel) G-25 col-
umn using gravity for separation allowed to identify correctly 
cTnI concentration in 15 patient samples grouped accord-
ing to the magnitude of perioperative myocardial injury risk 
for a myocardial infraction as mild (cTnI < 15 pg  mL−1), 
moderate (15  pg   mL−1 > cTnI < 500   mL−1), and severe 
(cTnI > 500  pg   mL−1) [34]. In addition, the PEG unit 
worked as an antifouling matrix. As-deposited graphene is 
commonly hydrophobic and promotes adsorption of spe-
cies possessing hydrophobic components such as proteins. 
These hydrophobic interactions are entropically favorable in 
an aqueous electrolyte, because water molecules are released 
from the solvation shell around hydrophobic analytes and are 
typically irreversible in an aqueous electrolyte under mild 
conditions. Therefore, many antifouling strategies aim at 
reducing fouling by increasing the hydrophilicity of the elec-
trode surface and thus limiting or even preventing direct con-
tact of antifouling compounds with the electrode-anchored 
bioreceptors to minimize false positive responses [35, 36].

Another concept was lately put forward by Hwang 
et al. [37] using a deformed monolayer graphene chan-
nel (Fig. 4c). Computational simulations revealed that the 
nanoscale deformations could form “electrical hot spots” 
in the sensing channel which reduce the charge screening 
at the concave regions. The increased Debye length at the 
convex region of the crumpled graphene brings more DNA 
strands inside the Debye length, making crumpled graphene 
electrically more susceptible to the negative charge of DNA 
and the change upon hybridization. This device achieved 

an ultra-high sensitivity of detection in buffer and human 
serum samples down to 600 zM and 20 aM, respectively, 
which correspond to ∼18 and ∼600 nucleic acid molecules. 
Moreover, the deformed graphene could exhibit a band gap, 
allowing an exponential change in the source-drain current 
from small numbers of charges.

Besides these materials and surface chemistry–based con-
sideration, replacing a typical antibody probe of 10 nm with 
smaller bioreceptors, such as aptamers and nanobodies, is 
another way to limit signal screening issues (Fig. 4d).

Aptamers, artificial single-stranded oligonucleotides, 
typically 15–70 bases in length, and generally designed 
by Systemic Evolution of Ligands by Exponential Enrich-
ment (SELEX), are well adapted for gFET biosensing due 
to their good thermal stability, low-cost (once the sequence 
has been identified by SELEX), and tuneable affinity to the 
analyte [38, 39]. With a probe length of < 5 nm for aptamer 
sequences of less than 30 bases, they are well adapted for 
gFET sensing even in higher salt solutions [40] (Fig. 4d). 
One of the first aptamer-modified gFET sensors is that 
reported by Ohno et al. [41] using an immunoglobulin E 
(IgE) aptamers with an approximate height of 3 nm and a 
KD = 47 nM. Kim et al. [42] showed that replacing a typical 
antibody receptor of 10 nm with a 4 nm aptamer probe, on 
otherwise similar gFET sensors, improved the sensitivity 
to the target antigen by 1000 times from 12 fM to 10 aM 
in 10 µM PBS (λD = 23.6 nm). The signal was, however, 
completely screened in 1 mM PBS (λD = 2.3 nm) even with 
the small aptamer probes [42]. The possibility to tune the 
aptamer density on gFET sensors was assessed by Hao et al. 
[40] by using a novel immobilization method based on the 
application of an electrical field (Fig. 5a). Using 1-pyr-
enebutanoic acid succinimidyl ester (PBASE) as a linker 
representative, application of an electrical field arranged 
the electron-rich pyrenyl group toward graphene, resulting 
in regularly aligned PBASE in the solution due to electro-
static repulsion. The LOD for interleukin-6 (IL-6) could be 
significantly improved to 618 fM, by applying an electric 
field at − 0.3 V for 3 h during PBASE immobilization [40].

We have lately validated that aptamer/PEG-based gFET 
architectures allow for the detection of metalloprotein-
ases such as MMPs-9, zinc-dependent endoproteinases 
upregulated in non-healing wounds from 1.5 to 912 pM 
(0.1–60.8 ng  mL−1). A LOD of 478 pM was determined 
in simulated wound fluids from the change in drain-source 
current at a VGate = 0 V [27] (Fig. 5b).

While DNA-based aptamers are widely employed as bio-
receptors in gFET, the use of peptide nucleic acids (PNAs) 
has proven challenging, due to the absence of selection 
methods for the discovery of suitable bioreceptors and the 
difficult mimicry of established DNA-based ones. Despite 
the fact that PNAs exceed homologous DNA or RNA in 
terms of complementary base pairing, they can fail to 
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reproduce alternative modes of binding, because of their 
different structural features. The remarkable stability and 
charge distribution of PNAs were lately proven to be benefi-
cial for gFET-based sensing of cTnI (Fig. 5c) [26]. While the 
affinity of the DNA aptamer toward cTnI depends both on 
the ionic strength and pH of the medium, with KD increasing 
upon enhancing ionic strength and pH (Fig. 5c), the PNA 
aptamer recorded unchanged KD values under all experimen-
tal conditions. Though the PNA aptamer has not a dramati-
cally higher affinity for cTnI and no better detection limit, 

6.0 ± 1.0 pg  mL−1 (PNA aptamer) and 3.3 ± 0.7 pg  mL−1 
(DNA aptamer), it does help in reducing the influence of 
pH and ionic strength parameters, showing more stable and 
consistent KD values, thus allowing for more adaptability 
to different conditions in the sample matrices. One main 
advantage of the use of a PNA aptamer in sensing is the lack 
of enzymatic degradation.

Next to aptamers, antibody fragments and engineered 
antibodies are ideal for gFET-based sensing [43] (Fig. 6a) 

Fig. 5  Aptamer-based gFETs: a IL-6 detection in 1 × PBS with 
and without applied electrical field during PBASE immobili-
zation. Without an applied electrical field, PBASE is randomly 
immobilized on the gFET surface, while a negative potential 
arranges PBASE regularly with pyrene groups forced toward gra-
phene (reprint with permission of ref. [40]). b Matrix metallopro-
teinase-9 (MMP-9) sensing in swab samples from patients with 

diabetic foot ulcers on an aptamer-modified liquid-gated gFET 
device recording a LOD of 478  pM in MMP-9 spiked wound 
fluid composed of 5.8  g NaCl, 3.3  g  NaHCO3, 0.2  g KCl, 0.2  g 
 CaCl2, 33.0  g BSA in 1L 1 × MOPS buffer/1  mM  CaCl2 [27]. c 
Anchoring of cTnI-specific DNA or PNA aptamers on PEG-mod-
ified graphene and electrically determined dissociation constants 
against cTnI target [26]
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as their performance has already been established in elec-
trochemical sensors [44].

Indeed, antigen-binding fragments (Fab) are capable of rec-
ognizing a target molecule with high binding affinity and spec-
ificity. As the vertical length of a Fab is approximately 6 nm, 
these receptors can recognize and bind target antigens near the 
gFET surface. The probably smallest receptor units currently at 
hand are nanobodies, corresponding to antibodies devoid of a 

light chain and lacking the CH1 domain. They possess several 
key features such as small size (i.e., 4 nm in length, 2.5 nm in 
width, and about 15 kDa in molecular weight), high solubil-
ity, high chemical stability, and improved shelf-life, making 
them attractive for gFET-based sensing. These single-domain 
binding proteins are produced cheaply in microbial hosts, have 
better engineering profiles, and have the potential to reduce the 
high cost associated with monoclonal antibodies [45-47]. The 

Fig. 6  From antibody fragments to nanobodies for gFET sensor: 
a correlation of antibody and antibody fragments length with 
Debye length in solutions of different ionic strength. b Schematic 
of a nanobody-functionalized organic electrochemical transis-
tor sensor with a nanobody–SpyCatcher fusion protein attached 
to gate as bioreceptor together with sensor response for saliva 

sample from COVID-19-positive samples (reprint with permis-
sion from ref. [45]). c SPR affinity studies of nanoCLAMP P2712 
specific to SARS-CoV-2 S1 protein and transfer curves of a liq-
uid-gated gFET modified with nanoCLAMP P2712 and titrated 
against increasing concentrations of patient-derived viral parti-
cles (unpublished results)
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reduced size of these receptors enables a binding reaction to 
occur more closely to the sensor surface, i.e., within the Debye 
length. The effect of probe molecule size on the detection of 
a tumor marker, α-fetoprotein (AFP), using a FET biosensor 
was shown by Cheng’s group [48]. The team of Inhal [45] 
used the concept of a flexible spyTag-SpyCatcher nanobody 
architecture on 1,6-hexanedithiol-modified gold gates for the 
sensing of COVID-19 and MERS antigens in nasopharyngeal 
as well as in saliva samples (Fig. 6b).

While nanobodies dominate this field, their develop-
ment typically originates in immunized Camelidae, fol-
lowed by cloning and development of the binding domain 
(the nanobody), adding time to their production. Further-
more, many camelid-derived nanobodies contain disulfide 
bonds, making them susceptible to reducing environ-
ments, forcing them to be produced in the periplasm of 
E. coli, or in secretion expression systems, and precluding 
their engineering with sulfhydryl reactive probes and rea-
gents. A different class of antibody mimetics called nan-
oCLAMPs (nano-CLostridial Antibody Mimetic Proteins) 
[49] can be screened from a synthetic, naïve phage dis-
play library of 1 ×  1010 variants for high specificity, and 
low affinity to targets in 6 weeks; they are produced and 
purified cheaply from the cytosol of E. coli with yields 
above 200 g  L−1. They are naturally devoid of cysteine 
groups, and easily refolding following chemical denatura-
tion with 6 M GuHCl, 0.1 N NaOH, or DMF when conju-
gated to solid support. They exhibit high thermal stability 
(Tm > 65 °C). We have lately investigated this concept 
using nanoCLAMP P2712 [50], showing picroMolar 
affinity for the S1 spike protein of SARS-CoV-2 (Fig. 6c). 

Viral titration experiments in liquid-gated gFETs modi-
fied with nanoCLAMP 2712 revealed that the gate voltage 
shifts upon increasing viral copies with a LOD of about 
1.2 ×  104 viral copies  mL−1.

Conclusion and perspectives

While 10 years ago, some of us focused on advances in gra-
phene-based plasmonic surfaces and the interest in analytical 
chemistry (Anal. Bioanal. Chem. 2013, 405, 1435), in this 
critical review, we present some of the progress achieved in 
the last years on the fabrication of gFET devices to detect a 
large range of biomarkers (Table 1). But what makes gFET 
superior to other semiconductor transistor sensors? The use 
of a 2D channel material has indeed several advantages over 
bulk semiconductor devices. For most semiconductor transis-
tor sensors (including silicon), electric field changes at the 
channel surface have limited effect deeper in the device chan-
nel, limiting the response sensitivity. In the case of a gFET, 
the graphene channel has a sub-nanometric thickness mak-
ing that any analyte binding to the surface of the graphene 
channel impacts electronic transfer through the entire depth 
of the device. Other bulk semiconductors are not effective 
at such a thickness, as surface defects dominate the material 
characteristics. Furthermore, graphene is chemically stable; 
it is composed of very short, strong, covalent bonds, all in 
the plane of the film. The conductivity, stability, uniform-
ity, and 2D nature of graphene make it an excellent material 
for sensors, overcoming the failings of silicon chemical and 
biological sensors. As non-specific protein-based bioreceptor 

Table 1  Summary of gFET sensors discussed in this review

gFET type Analyte Bioreceptor LoD Comments Ref

Back-gated Opioid μ-opioid protein 10 pg  mL−1 VDirac as high as 70–80 V [9]
Back-gated Exosomes Antibody 0.1 μg  mL−1 Validation in low ionic strength 

conditions (0.001 × PBS)
[10]

Buried-gate IL-6 Aptamer 12 pM Saliva-based sensing [11]
Co-planar flexible TNF-α

IFN-γ
Aptamer TNF-α 2.75 pM

IFN-γ 2.89 pM
Artificial tears [20]

Liquid-gated flexible miRNA DNA 10 fM Wearable approach [28]
Liquid-gated MMP-9 Aptamer 478 pM Sensing in wound fluid [27]
Liquid-gated cTnI Aptamer 3.3 pg  mL−1

(DNA aptamer)
6.0 pg  mL−1

(PNA aptamer)

Sensing in serum [23, 26]

Liquid-gated DNA DNA 20 aM (serum)
600 zM (buffer)

Deformed monolayer graphene [37]

Liquid-gated Immune-globulin E Aptamer 10 aM Validated in 10 µM PBS, in 
1 mM PBS no signal

[41, 42]

Liquid-gated IL-6 Aptamer 618 fM Electrical field arranged [40]
Liquid-gated SARS-CoV-2 NanoCLAMP 1.2 ×  104 viral copies  mL−1 Nasopharyngeal samples Unpubl
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binding is undesirable as it often implies loss of the protein’s 
functional structure, appropriate attachment chemistries are 
required. Being composed of carbon, a large range of surface 
chemistries are available for correct bioreceptor integration 
and enabling highly sensitive, highly selective, direct, label-
free detection of targeted analytes.

Despite the significant progress made in aligning gFET 
biosensors with life sciences and their integration into micro-
electronic platforms, various obstacles remain to be overcome. 
While 2D materials provide a route to achieve device-to-device 
consistency, the graphene science and technology roadmap 
published by the Graphene Flagship indicated the target of 
gFET biosensors to be reached in 2022, with bioelectronic med-
icine, drug delivery being the focus next to neural interfaces and 
flexible devices from 2023 to 2030 (https:// graph ene- flags hip. 
eu/ innov ation/ indus trial isati on/ roadm ap/). Although gFET sen-
sors have fabrication advantages over devices fabricated with 
1D materials (e.g., carbon nanotubes, nanowires) as graphene 
can be produced in films with uniform material characteristics, 
the promises of gFET biosensors have not been demonstrated 
until now. Questions about the device structure, batch-to-batch 
heterogeneity, bioreceptor anchoring approaches, and consider-
ation of how to increase Debye length are some of the difficul-
ties that still need to be addressed for gFET commercialization. 
The production of gFETs with low device-to-device variation 
is an industrial challenge, with various European actors (e.g., 
Graphenea-Spain, Grapheal-France, Applied Nanolayers-Neth-
erlands, Paragraf-Uk) working actively to overcome this hurdle. 
In work coming out of research laboratories, inter-device vari-
ability is mostly inconsistently assesses as a limited number of 
devices is investigated. The characterization of gFET ensembles 
of 15–30 active devices and 15–30 controls would allow a sta-
tistically robust analysis of gFET performance, essential toward 
clinical application. Indeed, the use of proper positive and nega-
tive controls as widely used in lateral flow assays for example 
is often missing in addition but essential to validate that the 
sensor is functioning as expected; graphene functionalization 
aspects should be jointly considered by academic and industrial 
partners including end-users to drive this field faster to an end 
product, a biological gFET. While, the use of gFET sensors for 
the detection of proteins (e.g., cTnI) as well as small molecules 
such as naltrexone at pgmL-1 concentrations could be shown, to 
improve the sensitive sensing of a large variety of analytes, the 
implementation of engineered single-chain variable fragments 
and nanobodies instead of full antibodies as receptor molecules 
should be more widely considered. The improved sensitivity of 
gFET sensors functionalized with these engineered antibodies 
is attributed to the closer proximity of the bound biomarker 
target to the gFET channel, thus leading to stronger electrostatic 
interactions and a larger electrical signal.

In parallel to considering “smaller” bioreceptors, efforts to 
create stable, density-controlled, protein antifouling function-
alization strategies on graphene including ionic membrane to 
overcome Debye length screening limitations and to sense 
under physiological relevant conditions remain limited inves-
tigated. The use of multi-step surface chemistry approaches 
remains furthermore a hurdle for the wider implementation 
into most industrial processes. Innovations for single-step 
graphene modifications and advancements in this direction 
would be a breakthrough and open the way for the first Euro-
pean gFET-based sensor product on the market. It would also 
be a foundation for the next generation of health monitoring 
via point-of-care testing concepts to put the patient into the 
center of action. Portable and wearable devices gFET sen-
sors provide a simple and veritable way in this direction. 
Innovation around the improvement of graphene inks for the 
development of flexible low-cost biosensors for high-speed 
printing is required to drive this field further. These wearable 
devices require input and power systems to command infor-
mation and supply energy, respectively, and the road map of 
gFET sensors is strongly intertwined with these activities.
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