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Abstract

This chapter provides a comprehensive overview of the principles, applications, and advancements 

in graphene field-effect transistor (gFET) biosensors for biological sensing. The unique properties 

of graphene that make it ideal for biosensing, including its high conductivity, chemical stability, 

and ability to facilitate label-free detection, will be discussed. The chapter also explores 

various applications of gFET biosensors, from detecting pH and salinity changes to complex 

protein-protein interactions and DNA/RNA sensing. It also addresses the challenges and future 

directions in gFET biosensor technology, emphasizing the need for scalable manufacturing, 

sophisticated surface chemistry, and the integration of multiomics approaches to enhance 

biosensing capabilities.
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1 Introduction and Background

Biomedical and environmental testing currently require access to highly specialized facilities 

or extensive training. Biochemical tests require complex reagents to achieve a simple 

human readable result such as a color change. Although we have already test systems for 

providing defined readout with affordable costs (e.g., glucose, virus detection, or pregnancy 

tests), there are still many high-cost tests with insufficient information about human 

diseases. To maximize information from testing while minimizing costs, biotechnology 

should leverage complex analysis enabled by advanced portable computing power and 

use simplified reagents, tools, and processes. This concept can be conceived of as “the 

internet of biology” in the same way miniaturized electronic sensors have enabled “the 

internet of things.” Nanotechnologists have created proof-of-concept hand-held, easy-to-use 

personal devices, but none have achieved large-scale manufacturability. We introduce here 

the concept, principle, and application of the first economical nanoelectronics produced in 

a commercial foundry. The mass-manufacture of these graphene-based digital biosensors 

is achieved by successfully integrating graphene into standard electronic high-volume 

production processes. Access to this type of production opens the door for rapid deployment 

of nanoelectronic sensors outside the research space. The low power and resource usage of 

these biosensors enables biotech engineers to gain immediate control over precise biological 

and environmental data.

The prevailing philosophy in biological testing has been to focus on simple tests with 

easy to interpret information such as ELISA or lateral flow assays. At the same time, 

there has been a decades long understanding in device physics and nanotechnology that 

electrical approaches have the potential to drastically improve the quality, speed, and cost 

of biological testing provided that computational resources are available to analyze the 

resulting complex data. It is well established in the nanotechnology literature that techniques 

such as field effect biosensing are capable of rapid and flexible biological testing. Until 

now, access to this new technology has been limited to academic researchers focused on 

bioelectronic devices and their collaborators. Here we show that this capability is retained in 

an industrially manufactured device, opening access to this technology generally.
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The world is entering an inflection point in medical and biological testing with the 

simultaneous emergence of improved testing technology, advanced software tools, and 

increased expectations for quality healthcare worldwide. Organizations like the Qualcomm 

Tricorder XPRIZE and Gates Foundation have pushed for integrations of varied technologies 

in clinical tests to demonstrate potential application [1]. Traditional healthcare companies 

market point-of-care tools with limited test libraries [2]. In each case, complex, analyte-

specific reagents and intricate protocols are essential for multiple platforms and deep 

biochemical or clinical expertise to replicate the capability of a central lab [3].

There is a need for information-dense single assays that break the mold of expensive 

labs running colorimetric and PCR-based assays [4]. Label-free measurement tools based 

on field-effect sensors should lower the amount for most liquid reagents, decrease power 

requirements, and shrink the size of handheld testing devices [5]. These tools will be capable 

of performing a wide variety of chemical and biochemical assays built on top of a single 

sensor manufacturing chain, leading to lower overall cost for biological measurements.

The unique attributes that are required to build effective field effect biosensors are a 

combination of semiconductor behavior with chemical stability of the sensor surface in 

air and salt water [6]. Materials like silicon require oxide layers between the transistor 

channel and the environment, limiting the sensitivity of field effect sensors made using those 

conventional materials [5]. Materials, such as graphene, carbon nanotubes, and molybdenum 

disulfide have the unique combination of chemical stability and electric field sensitivity 

desirable to create sensitive electronic interfaces to biological molecules [7]. This has led 

to a dense literature covering chemical and biological sensors using these materials [8–20]. 

Several attempts were made to produce carbon nanotube biosensors for biomedical use 

in the early part of the twenty-first century with limited results due to manufacturing 

difficulties [14]. Fabrication techniques using molybdenum disulfide have not matured 

sufficiently for devices to move beyond the proof of concept stage [15].

2 Principle of Operation

2.1 Overview

With graphene-based biosensors, scientists have direct visibility into the binding interactions 

that natively occur in biological systems without intermediary translations from optical 

data. In particular, graphene biosensors using field effect biosensing (FEB) offer a label-

free technology for measuring biomolecular interactions. FEB, an electrical technique, 

measures the current across a graphene biosensor surface functionalized with immobilized 

biomolecular capture probes (Fig. 1a). Any interaction or binding that occurs on the 

biosensor surface causes a change in conductance of the biosensor that is monitored in 

real-time (Fig. 1b), enabling accurate kinetic, affinity, and concentration measurements. 

These measurements are consistent with other biosensor advancements that aim to achieve 

label-free detection for biochemical analysis. This includes impedimetric techniques, surface 

plasmon resonance-based optical detection systems, or mass-sensitive devices, such as 

surface acoustic wave devices (SAW) [21].
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Graphene FEB sensors integrate biologically active materials (i.e., the immobilized capture 

probe) with graphene-based electronics to detect the binding of an analyte in solution. When 

analyte binds to the probe, the charge distribution at the surface changes, triggering a change 

in graphene field effect transistor (gFET) electrical characteristics. This can be obtained by 

measuring the source and drain current, which effectively converts biological events into 

electrical signals, such as current. Current (I) changes are directly linked to the analyte 

concentration, and the concentration of the analyte as well as the kinetic binding data and 

affinity of the analyte to the target can be detected.

The general concept of biosensing was introduced by Clark in continuous monitoring of 

chemical composition of blood in cardiovascular surgery as early as 1962 [22]. Additionally, 

the concept of charge detection, which is the foundational research for graphene FEB, is 

not new and has been utilized in the insulated-gate field-effect transistor (IGFET) [23] or 

metal-oxide-semiconductor field-effect transistor (MOSFET) starting from the 1960s [24]. 

The MOSFET is composed of a silicon substrate that has connections for the source and 

drain, as well as a layer of silicon dioxide on top. In the typical MOSFET setup, the oxide is 

coated with a gate metal. When a gate potential is applied, a conducting channel is generated 

in the silicon, which can be measured as a resistance between the source and drain. Adapting 

the MOSFET design to operation in liquid for sensing application has been reported by 

Bergveld in 1970 [25]. The so-called ion-sensitive field effect transistors (ISFETs) are 

composed of source and drain areas connected by a semiconducting channel of different 

doping. In ISFETs, the reference electrode (RE) passes no current and utilizes applying the 

gate voltage while providing a constant potential to the solution. The conductance of the 

channel is modulated by the potential of the liquid gate. The conducting channel in the 

semiconductor is separated from the solution by a passivation layer put in place to prevent 

chemical oxidation of the silicon by water. The concept has been originally developed for 

ion sensing. Here an ion-selective membrane has been coupled to the gate insulator to allow 

a defined potential formation in dependence on the respective ion concentration in solution 

[26].

Later this concept has been extended to biomolecular sensing (BioFET) [25]. Here different 

principles have been used. In combination with enzymes (ENFET) the detection is based on 

the production/consumption of an ionic edduct/product (often H+) during the biomolecular 

conversion which changes the potential at the interface ion-selective membrane/solution 

and subsequently the source-drain current. This approach is not only valuable for single 

metabolites but also for measuring cellular activities. [27, 28] One notable commercially 

successful application of this technology is Ion Torrent, which detects H+ production when 

nucleotides are incorporated during DNA sequencing [29].

To expand the utilization of BioFETs, approaches were developed where specific biological 

receptors (or probes) are conjugated on the gate to directly capture the desired analytes 

based on bioaffinity [30]. The specific binding event is directly transduced, and various 

BioFETs have been developed for the detection of nucleotides [31–33] and proteins [34–36]. 

However, it was realized that the charge situation plays an important role and also the 

ion concentration in solution. The ions in solution can screen part of the charge of the 

surface attached biomolecule. This can be expressed by the Debye length. This Debye length 
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screening is proportional to the reciprocal of the square root of the ionic strength and is quite 

small in physiological solutions, less than 1 nm [37–39]. This has limited the application to 

mainly highly charged molecules.

On the other hand, organic field-effect transistors (OFETs) represent the next stage of 

development in transistor technology. OFETs use organic semiconducting materials such as 

polymers, instead of traditional inorganic materials like silicon. There are several advantages 

to using organic materials in transistors: (1) Flexibility: Organic materials can be printed on 

flexible substrates, allowing for the creation of flexible and conformable electronic devices. 

(2) Low-cost fabrication: Organic materials are less expensive to produce and process 

than inorganic materials, making them an attractive option for large-scale production. (3) 

Solution-processability: Organic materials can be dissolved in solvents and processed using 

solution-based techniques such as inkjet printing, roll-to-roll printing, and spray coating. (4) 

Tun-ability: The electronic properties of organic materials can be easily tuned by modifying 

the chemical structure of the material, enabling the creation of a wide range of devices with 

varying properties. OFETs have several potential applications, including flexible displays, 

smart sensors, and wearable electronics. Additionally, the use of organic materials in 

transistors is environmentally friendly, as organic materials are often biodegradable and 

can be recycled. Overall, the development of OFETs represents a significant advancement in 

transistor technology and has the potential to revolutionize the field of electronics with its 

unique advantages.

2.2 gFET FEB Compact Model

In order to illustrate the advantages of graphene-based field effect transistors first the 

conditions of operation of a silicon based ISFET or BioFET will be described. The presence 

of bound charged biomolecules at the sensing surface of the transistor will be detected by 

changes in channel conductance of the FET due to a change in the effective gate potential. 

The sensing surface in a BioFET consists of the interface between a passivating layer + 

ion-selective layer, such as silicon nitride, and the solution.

The amount of bound biomolecules changes the charge at the sensor’s surface, thus 

modifying the gate on the transistor. The charge per biomolecule depends upon the 

biochemistry, with dependence on the pH of the aqueous solution and the biomolecules’ 

isoelectric points [40, 41]. Historically, in commercial ISFET applications, the signal of 

interest is the shift in threshold voltage V T from the addition of ΔV I [26]. but the source-

drain current can also be followed resulting in better sensitivities which is shown in the 

following equation:

ISD = W
L V GS − V T V DS − 0.5V DS

2 μeffCg

(1)

where W  is the width of the channel, L is the length of the channel, V GS is the gate-source 

voltage, V DS is the drain-source bias, and μeff is the effective mobility incorporating the 

effects of finite contact resistance. It should be emphasized that in this equation, the 
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capacitance of the gate insulator Cg is contained instead of the double layer capacitance 

CDL which directly influences the source-drain current.

In these silicon devices, the dielectric in between the channel and the liquid introduces not 

only a small capacitance but may also cause background signal due to the interposing charge 

traps between the channel and liquid [42, 43]. In gFETs, the channel material is a single 

atomic layer of carbon in the form of chemical vapor deposition (CVD) grown graphene 

[44, 45]. This has beneficial electronic and chemical effects for biosensing. The graphene 

surface is chemically compatible with biological electrolytes, so dielectric passivation layers 

are not required. This enables direct interaction with the conduction channel via simple 

functionalization chemistries. In addition, the conductivity of gFETs is extremely sensitive 

to interactions near the channel because of its two-dimensional structure, as all atoms are 

surface atoms [46].

Rather than using the source-drain follower measurement scheme commonly used for 

silicon ISFETS, gFET FEB sensors reported in the literature are usually operated as signal 

amplifiers, in which the gFET output current response ΔID is measured [37, 45, 47–49]. 

In this case the external operational amplifier (op-amp) which is an integrated circuit for 

amplifying weak electric signals will be configured as a transimpedance amplifier. Using the 

typical small signal FET model [45], the change in drain current from a binding event at the 

surface can be approximated as:

ΔID = W
L V DS μeff

CFET Δσ
CDL + CFET

(2)

where CFET is the field effect transistor capacitance and CDL is the double layer capacitance. 

In comparing Eqs. 1 and 2, it can be seen that the overall gain is an increase in the current 

response by a factor equal to the transconductance gm = W/L V DSμeffCFET. Graphene has 

high intrinsic carrier mobility (μ > 2,000 cm2 V s−1) compared with silicon, leading to an 

advantage over silicon in this amplification mode. This advantage in transconductance 

is compounded in biosensing applications because of the increased CFET in graphene 

compared to silicon/insulator structures. This is because CFET is a series combination of 

all the capacitances between the interface and the channel, which includes the capacitance 

of the dielectric passivation layer in silicon, which isn’t present in graphene. In gFETs CFET
can be comparable to CDL, leading to a higher overall gain [50, 51].

Beyond the increase in signal gain and the lower noise due to no charge traps between 

the channel and the liquid, a gFET’s ability to operate in amplification mode with high 

transconductance devices allows for multimodal sensing. Multimodal sensing involves the 

integration of multiple sensors or sensing modalities, such as optical, acoustic, and electrical 

sensors, to provide a more comprehensive and accurate understanding of the environment 

or system being monitored. For instance, a multimodal biosensor may include electrodes 

for measuring neuron spikes electrical signal, optical sensors for measuring blood oxygen 
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levels, and accelerometers for measuring body movement and activity. Changes in the total 

gate capacitance CT and changes in the channel mobility μeff modulate the transconductance 

and can be detected by sweeping the liquid gate voltage to measure the I Vg  transfer curves. 

This requires using both a gate electrode and a reference electrode in a manner similar to 

how an electrochemical cell uses a counter electrode and a reference electrode to ensures the 

potential is properly measured while sweeping [52]. This uses a gate circuit design similar 

to an electrochemical potentiostat, allowing for very accurate and dynamic control of the 

liquid potential and continuous measurement of the current vs gate voltage transfer curve. 

From this, features such as the charge neutrality potential, resistance, surface charge density, 

mobility, and capacitance can all be extracted simultaneously.

Changes in capacitance result from the displacement of charges in the liquid by the presence 

of the biomolecules, which can change the double layer capacitance of the channel with the 

liquid gate [45]. In this case, the biomolecules do not need to be necessarily charged to be 

sensed but sensitivity might be limited. Mobility changes will be stronger in the opposite 

limit of strongly charged targets, where charges near the channel can scatter charge carriers, 

thereby decreasing the mobility [37, 49].

The biomolecules in reality will not assemble as uniform layer of charges right at the 

interface, but rather will sit some distance away from the FET channel. If the biomolecules 

sit much farther away than the Debye length, the ions in solution will nearly completely 

screen the charges of the biomolecule, and they will not materially affect the gate potential 

of the device. Modern gFET biosensor designs mitigate Debye screening by employing the 

Donnan effect concept from membrane science. As usual in biosensors based on affinity 

the capture molecules are immobilized in a layer – here on top of the graphene channel. 

These layers are composed of various types of molecules with different functions, including 

biological receptor molecules for the analyte of interest, linker molecules if the biological 

receptor cannot be directly attached, and blocking molecules such as BSA and PEG to 

passivate the empty linkers and channel. [13, 47–51, 53] As with the analytes of interest, the 

organic molecules used in the Donnan layer will usually be charged when in buffer solution, 

depending on their isoelectric point and the local pH. Larger biomolecules cannot generally 

penetrate the layer, so the layer is mainly permeable for ions (and small molecules). A 

concentration gradient is formed between the immobile charged molecules within the layer 

and the mobile ions in the bulk solution, which in turn creates a potential difference between 

the bulk solution and the immobilized layer. The potential within the layer, the Donnan 

potential, is sensitive to pH and ionic concentration [54, 55], and this is the potential directly 

sensed by the FET. The Donnan potential changes as new biomolecules are bound to or 

released from the layer of biomolecules immobilized on the surface of the gFET.

Adding a Donnan layer to the interface has led to the modern era of biosensor FETs that 

can operate even in physiologically relevant, high ionic strength buffers [13, 56–59]. The 

effect enables sensor to be much more sensitive to bound analyte than under a double layer 

alone, because, in Donnan equilibrium, the double layer is moved away from the surface of 

the FET and instead forms at the Donnan layer interface [55]. If the biological receptors are 

captured within the Donnan layer and so beneath the double layer, the screening is much 

reduced because of the decreased concentration of mobile ions [53]. Capacitance mode 
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sensing also benefits from the presence of the Donnan layer, as CFET must be modified to 

include the series capacitance of the Donnan layer, CDon, which will be smaller than the 

double layer capacitance and can therefore limit the total capacitance. CDon is proportional 

to the ionic strength and thereby is more sensitive to changes in ionic concentration than the 

double layer capacitance which is proportional to the square root of the ionic strength. The 

presence of large biomolecules, even outside the double layer, can cause large shifts in CFET
and the transconductance [57]. This requires that CDon is the limiting term in CFET, true for 

gFETs, but may not be true in silicon BioFETs with passivating layers that themselves limit 

CFET.

A current model incorporating these concepts is shown in Eq. 3.

I ≈ W
L μ Ctot V DS V CNP − V g + 2.3 ϕthα ΔpH + 1 − α ΔφD

(3)

where I is the current, μ is the charge carrier mobility, Ctot is the total capacitance per 

unit area, V cnp is the charge neutrality point (CNP) potential, V g is the gate voltage, alpha 

is pH sensitivity factor, ΔpH is the pH shift from the neutral surface, ΔφD is the Donnan 

potential which is explained in Eq. 5, and φth is the thermal voltage at room temperature. 

In the context of a liquid gate or pH sensor, the thermal voltage should be thought of as 

a thermodynamic potential driven by a change in ionic concentration at a surface. It is 

typically constructed as R*T /F  with T  being temperature, R being the ideal gas constant and 

F  being Faraday’s constant.

This model generally relates the current (I) to typical electrical properties such as the charge 

carrier mobility (μ), total capacitance per unit area (Ctot), width (W ) and length L  of 

the graphene channel, source-drain voltage applied directly to the graphene (V DS), and the 

gate voltage (V g) relative to the charge neutrality point (CNP) potential (V CNP). The CNP 

voltage here is the gate voltage at which there is a minimum in conduction at neutral pH. 

The capacitance between the graphene and the liquid, Cg, is a series combination of the 

graphene quantum capacitance, the double layer capacitance, and the Donnan capacitance. 

It is important to note that Eq. 3 is only valid for hole conduction and does not account 

for non-linear gate effects near the CNP voltage. It can be combined with a more complete 

foundational graphene FET model as in Eq. 4:

Ids =
μ W V DS

L Ctot2 V CNP − V g + 2.3 ϕthα ΔpH + 1 − α ΔφD
2 + 4

n02

q2

(4)

Here no represents the charge density of conduction-band, q is the charge density of valence-

band, and ΔφD is the Donnan potential (see Eq. 5). With appropriate construction of the Ctot
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term, this model can be used to represent electron and hole conduction regimes, and close 

to the CNP. This model encompasses effects from the liquid gate, surface chemistry, and 

biochemistry. The remaining undescribed terms in Eqs. 3 and 4 are corrections to the gate 

voltage due to the influence of pH changes and the Donnan potential. This model assumes 

operation of the sensor near room temperature, for an equivalent gate voltage less than the 

CNP voltage, for source-drain voltages below 1 V, and for a channel length greater than 

10 μm.

Electronic sensitivity to pH is typically attributed to proton binding to a gate dielectric. For 

graphene transistors, there is no gate dielectric, but this form of pH sensitivity has been 

shown to apply through direct shifts in the apparent Dirac voltage [60, 61]. The surface pH 

sensitivity factor (α) is a material dependent value. For clean isolated graphene, α is a very 

low 0.02, but in practice this value is increased by the presence of oxides and nitrides used in 

device fabrication; α values for practical graphene transistors are around 0.37 [62–64]. This 

term is combined with the thermal voltage (ϕth), about 26 mV, and pH shift from a neutral 

surface ΔpH  to produce the equivalent gate voltage due to pH. The thermal voltage of 26 

mV multiplied by a factor of 2.3 that comes from the use of log10 instead of natural log by 

pH measurement results in the familiar Nernst limit for pH measurements of 59 mV per unit 

change in pH.

A Donnan potential (ΔφD) is created when an ion-permeable layer separates two collections 

of ions, as shown in Eq. 5.

ΔφD = ϕth ln
4cs2 + cx2 + cx

2cs

(5)

Here cs stands for the ionic strength of the bulk solution and cx for captured probe ionic 

strength. All together, this model provides a relatively simple framework for thinking about 

how a gFET FEB biosensor works.

2.3 Structure of gFET Sensor

A diagram of a gFET FEB sensor is shown in Fig. 2a, and a top-down microscopy image 

of the active region of an example gFET FEB biosensor is shown in Fig. 2b. During 

measurement, a liquid drop is placed onto the circular region defined by the black epoxy 

shown here. The platinum counter and pseudo-reference electrodes built into the sensor 

surface control and monitor a voltage in the bulk liquid. A blocking layer and embedded 

biomolecules such as proteins are immobilized onto 15 graphene channels on the surface. 

This particular design is intended to lower the possibility that localized mechanical damage, 

such as from a pipette tip, would completely destroy a sensing channel. There are three 

sensing channels on the chip, each with five transistors spread around the surface.

Carbon-based and non-carbon-based nanomaterials are two main categories of electronic 

and electrochemical biosensors. Graphene field-effect transistors (gFETs) use a three-
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electrode set up called the source, drain, and gate electrode. gFETs are ion-sensitive and 

current across graphene channel can be modulated by a liquid gate. While FETs can use any 

semiconductor material, a higher carrier mobility, and its electrophysical properties make 

gFETs well suited to biosensing.

gFET sensing is quantified by a transfer curve which is collected as current between 

sources-drain with respect to the applied gate voltages. The lowest point of the transfer 

curve is called the Dirac point, or the charge neutrality point (VCNP). While other sensors 

measure current over time and use electrochemical tags, sensing on gFETs is often in terms 

of the charge neutrality point, capacitance, transconductivity, and current modulation due to 

functionalization and biomolecule interaction.

2.4 gFET Sensor Biochemical Interaction Model

gFET FEB sensors are typically used to perform label-free affinity binding assays. It is 

useful to understand the basics of the biochemical interactions occurring on the graphene 

surface to understand how to separate measurements of the targeted biochemistry from 

measurements of background effects or contaminants. While data collected from a real-time, 

label-free biosensor can be analyzed using several models, the standard approach is to use 

experiment design so that a first-order chemical interaction can be used to model the data.

The mathematics behind the analysis of label-free biosensor data begins with the 1:1 

L model and gets increasingly more detailed as more potential convoluting effects are 

considered [65]. In its simplest form, the Langmuir model describes the binding of one 

analyte to one capture molecule to form a complex. Further, all binding sites are assumed to 

be equal and independent and unaffected by mass transport such as diffusion.

In biochemistry and pharmacology, there are very few reactions that are truly irreversible 

or truly completely reversible. Analyte molecules are continuously binding and unbinding 

to the thousands or millions of capture molecules bound to the sensor surface. The often 

non-equilibrium reaction of capture molecule (M) and analyte (A) can be written as [66]:

M+A MA

(6)

where TA is the complex of the capture molecule with bound analyte.

Therefore, the binding rate of the analyte is:

d MA
dt = kon M A − koff MA

(7)

where [M] is the unoccupied capture molecule concentration, [A] is the free analyte 

concentration, [MA] is the concentration of the complex of the capture molecule with bound 

analyte, kon is the association rate constant, and koff is the dissociation rate constant.
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When the system is in equilibrium, the concentrations of capture molecules, analyte, and 

complex of the capture molecule with bound analyte are no longer time dependent.

d MA
dt = kon M A − koff MA = 0

(8)

Then, KD is defined as such and called the dissociation constant.

KD =
koff
kon

= M A / MA

(9)

In Eq. 7, the number of analyte molecules in each experiment should be several orders 

of magnitude higher than the number of capture molecules bound to the sensor surface to 

avoid needing to take into account mass transport effects. Thus, the concentration [A] can 

be considered constant throughout association since the number of free molecules remains 

relatively unchanged. Based on this assumption:

dθ
dt = kon 1 − θ A − koff ⋅ θ

(10)

where θ is the fraction (time-dependent) of occupied probes on the sensor surface.

Solving this differential equation produces the relation:

θ = 1 − e−kobs ⋅ t ⋅ θeq

(11)

where θeq is the fraction of occupied capture probes once the binding reaction has 

equilibrated, and kobs is the observed binding rate at a given concentration is defined as:

kobs = kon A + koff

(12)

This should be familiar to anyone experienced with conventional label-free sensing systems 

such as surface plasmon resonance (SPR). Building on the experience from that community, 

there are some useful guidelines in evaluating biochemical interaction data. One issue is 

connected to non-specific binding to the sensor surface. Non-specific binding refers to 

adhesion to the surface or surface chemistry of molecules not targeted by the immobilized 

capture chemistry. In some cases these are chemical interactions that simply appear as 

adhesion in the data. The qualitative label of nonspecific binding typically implies a 

quantitative value for kon of less than 105 M−1 s−1 [67]. To account for this problem 
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calibration is often performed under defined conditions. However, analyzing nonspecific 

binding is uncertain because, in a genuine sample, accurate kinetic measurement of 

unknown molecules adsorbing onto the sensor surface is not possible. To address this issue, 

a different approach is employed by establishing a reference surface without the recognition 

element and examining the nonspecific binding that occurs there. As a result, in the context 

of SPR-style sensing, it becomes possible to assess a differential signal to analyze the 

specific binding and to calculate the rate constant of the specific binding reaction.

For an on-rate of 105 M−1 s−1 you might require many minutes or even hours to achieve 

half of the equilibrated response to a 1 nM application of A . A “specific binder” typically 

refers to a biochemical system with kon between 105 and 107 M−1 s−1. This is the domain 

of biochemistry with binding pockets such as antibodies. Here, you will still require several 

minutes to achieve half of the equilibrated response to a 1 nM application of [A], and longer 

time for lower concentrations than 1 nM. Binding rates above this range indicate a steered 

reaction, where the reaction at the surface is consuming reactants from solution faster than 

diffusion would normally provide them to the surface. An example of this is a CRISPR 

complex. Such a reaction is the only case in which a 1 nM application of [A] will achieve at 

least half the equilibrium response in less than 1 min. These guidelines are presented to help 

understand how to approach data that shows very fast responses. Very fast label-free sensor 

responses, including responses on gFETs, are typically due to buffer mismatch, addition of 

preservatives, or presence of some contamination.

3 Basic Applications

3.1 pH and Salinity

The most basic biochemistry measurements start with detecting changes in pH and salinity. 

gFET biosensors are sensitive to pH, salinity, and the chemical composition of the buffers 

applied to them. The exact sensitivity of a gFET sensor depends on its specific design and 

manufacture, as significant contributions to pH and salinity sensitivity of gFETs come from 

the substrate on which the graphene is deposited and the processing of the sensor surface 

prior to use. Examples of some pH and salinity sensing measurements are shown in Fig. 

3. The percent change in slope appears to be very high because the slope at “0 salt” or 

negligible salt is very shallow. Pure DI water is effectively an insulator and the liquid gate 

will not function well. So in terms of % change, there is a large change because the starting 

value is quite small. Essentially the “gateablility” of the channel changes in a pronounced 

way with salt concentration while the (effective) resistance of the channel only changes 

slightly.

The solutions used in Figs. 2c and 3a are standard 1× phosphate buffered saline (PBS) 

pH 7.41× PBS has a concentration of 0.01 M phosphate buffer concentration, 0.0027 M 

potassium chloride, and 137 mM sodium chloride or salt concentration. Varying amounts 

of 100 mM HCl added to 1× PBS to adjust the pH. The sensors were calibrated in pH 7 

solutions for these measurements. The solutions used in Fig. 3b, d are NaCl in deionized 

water.
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3.2 Protein-Protein Interactions

Measuring a protein-protein interaction is arguably the most popular and fundamental use 

of gFET FEB sensors in literature. Here we show an interaction between a monoclonal 

antibody against human interleukin-6 (anti-IL6) and recombinant human IL6 (IL6). 

Reagents were sourced from a commercial ELISA kit. IL6 is a well-known cytokine and 

biomarker related to inflammation, autoimmune diseases, and late-stage cancers. Anti-IL6 

was immobilized on graphene chips with a prepared carboxyl surface and activated via 

standard carbodiimide chemistry in a process shown in Fig. 3 [68]. This approach to surface 

chemistry is very common in gFET FEB literature. The ethanolamine step here likely 

presents a dramatic change as it is a charged small molecule that interacts closely with the 

graphene channel being applied in a low-salt solution.

Figure 4b, c shows the percent change in current and slope responses for 23 different sensor 

chips all following the same immobilization protocol with the same anti-IL6 reagent. The 

relatively small variations from chip to chip highlight the stability and reproducibility of 

the sensors. The immobilization data shows consistent trends. Addition of EDC and sNHS 

after calibration always leads to a decrease in current, without a change in transconductance 

slope. This is expected as the carbodiimide chemistry should change the charge at the 

surface without adding a large amount of material. Addition of the antibody at 30 min leads 

to a further decrease in current and a large increase in slope. This change is largely due 

to switching from the pH 6.0 MES buffer used during carboxyl activation to the pH 7.4 

PBS pH buffer used during antibody incubation. This highlights the need to limit buffer 

changes throughout an assay on a gFET, or to make sure the sensor is calibrated and 

equilibrated in a new buffer when a change in buffer is required. Addition of PEG-amine 

after anti-IL6 immobilization leads to a small decrease in current and a small increase in 

slope. This is consistent with association of PEG to the surface to serve as a blocking 

layer around immobilized protein. After addition of PEG, a complete layer is formed on 

the graphene surface, enabling a Donnan effect measurement. Addition of ethanolamine 

(pH 8.0) quenches any remaining activated carboxyl groups, and causes a large decrease 

in current and a large increase in slope. Rinsing with PBS (pH 7.4) then raises the current 

and decreases the slope, although never back to the initial starting position. This repeatable 

set of chemistry and sensor responses indicates both reproducibility of sensor-to-sensor 

response as well as a detectable and defined change of the surface chemistry due to 

the immobilization process. These kinds of evaluations of surface chemistry process and 

repetition across multiple chips are necessary to be confident in subsequent biochemical 

measurements.

It has to be emphasized here that such approaches are common for several label-free 

measuring techniques in order to make sure that observed effects can be correlated to a 

biomolecular event and not to other effects in solution or on the surface. This is often 

ignored and thus, erroneous conclusions occur.

The effectiveness of this immobilization process is demonstrated in the sensing 

measurements shown in Fig. 5. Different concentrations of IL6 in PBS were applied 

to the anti-IL6 immobilized chips. The different concentrations of IL6 lead to different 

response magnitudes and different speeds of interaction, as expected for any kinetic binding 
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measurement. This data compares well with the metrics provided by the ELISA kit from 

which the reagents were taken and previous IL6 standard curves gathered on graphene FEB 

sensors [69]. This is an example of the kind of information available in a real time assay that 

is not possible in an end-point assay. In addition, it highlights how process, user, and chip 

variation may be manifested in the data.

When running an ELISA with this kit, the expected lower limit of detection is <2 pg mL−1, 

and the linear range of response is between 7.8 and 500 pg mL−1 (FEB range of response is 

2 pg/mL to 1,000 pg/mL). Here, we have reproduced the ELISA quality while adding kinetic 

information. We have removed the need for labels while providing more information-dense 

real-time data than an end-point assay technique like ELISA.

3.3 Small Molecule Measurement

Building on sensing protein-protein interaction measurements, the same gFET sensor 

design can be used for protein-small molecule measurement. This type of measurement 

is particularly useful for pharmaceutical research. Here, we show an example of a rank-

ordering experiment. The purpose of this set of measurements is to compare the relative 

binding affinities of several small molecules to the same protein. When working with small 

molecules, it is important to perform appropriate controls. Nonspecific binding of small 

molecules to graphene is extremely common. If a complete concentration vs response curve 

can be taken, a comparison of the calculated kinetics relative to values obtained from other 

methods can be a helpful check that nonspecific binding is not dominating the observed 

response.

In this case, the small molecules SPD304, Evans Blue, and Trypan Blue were investigated 

as drug compounds interacting with the target protein, Tumor Necrosis Factor alpha (TNFα). 

The assay buffer for all small molecules composed of 1× PBS (0.01 M phosphate buffer 

concentration, 0.0027 M potassium chloride, 137 mM sodium chloride, pH 7.4), and 

multiple concentrations were measured for each small molecule.

Fresh assay buffer was added to the chip with the immobilized protein to calibrate a baseline 

measurement for 5 min, followed by the addition of the compound in assay buffer for 10 min 

to measure association. After the association measurement was complete, assay buffer was 

added to measure dissociation of the interaction. Recall that unlike a pure electrochemical 

sensor, a properly constructed FEB surface is sensitive to changes in the charges within the 

immobilized layer through measurement of changes in the Donnan potential. When a small 

molecule displaces the normal salts and hydrogen bonding network on a protein, there is an 

overall change in this value.

A dose-response curve of the current measurement is plotted in Fig. 6 as the sensor 

response versus concentration of the compound as the compound interacts with the target 

protein TNFα. Affinity ranking is determined from the dose-response curves and the 

associated kinetic binding data. The affinity ranking is comparable to the rank ordering 

of the known IC50 values: KD = 3.3 ± 0.7 μM SPD304, KD = 1,102 ± 107 μM Evans Blue, 

and KD = 2,454 ± 415 μM Trypan Blue compared to IC50 = 22 μM, 750 μM, and 1,000 μM
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respectively [70, 71]. The results show that an important drug discovery measurement, 

affinity ranking for small molecule biochemistry, can be performed on gFET FEB sensors.

4 Bioaffinity-Based Detection

4.1 DNA and RNA Detection

Perhaps the most important area of active research in gFET biosensors is the detection of 

DNA and RNA. Affinity-based biosensors for nucleic acid detection can be useful after 

a sample amplification process such as PCR. An affinity-based biosensor provides little 

advantage when used in conjunction with sample amplification, and does not address the 

fundamental limitations of sample amplification. Where gFET sensors provide a unique 

capability is as a solid-state sensor that incorporates new signal amplification techniques, 

such as the use of CRISPR. These approaches can match the sensitivity of sample 

amplification, while avoiding the largest problem of sample amplification, which is the 

potential amplification of contaminating sequences.

As with some small molecules, nonspecific binding of DNA to the surface of the graphene 

can affect sensor effectiveness. In addition, when DNA associates with the graphene surface, 

this interaction can disrupt the hydrogen bonds between complementary DNA strands, 

decreasing the binding affinity of complimentary DNA strands. Since this is valid for all 

biosensors with immobilized capture probes, care has to be taken during immobilization.

Even with these complications, a gFET FEB sensor can differentiate target DNA from 

DNA with even a single nucleotide polymorphism (SNP) in a simple affinity sensor 

mode using a probe DNA attached to the graphene surface. Single stranded probe DNA 

attached to the graphene gives a negative V CNP shift after immobilization. When a matching 

single-stranded DNA molecule is detected, a further negative V CNP shift occurs, while 

non-matching sequences gave significantly smaller shift in V CNP. This negative shift after 

target addition should match the shift found when double-stranded DNA is bound to the 

graphene, indicating that hybridization occurs on probe attached to the graphene [72]. There 

are reports of gFET affinity binding sensors detecting DNA and RNA at extraordinarily 

low concentrations. Such results need to be considered in context with theoretical limits of 

detection based on the expected binding kinetics, measurement time, and diffusion. Using 

Eqs. 11 and 12 above, it is easy to quickly calculate how long a measurement should take for 

a particular concentration of DNA.

By bending or crumpling, the graphene layer gFET sensing capabilities can be enhanced due 

to the changes in the Debye length [73]. In order to evaluate this, a DNA probe has been 

tethered to both crumpled and flat gFETs and a complementary strand was added to the 

gFET. Displayed crumpled graphene enhanced the detection of DNA hybridization at LOD 

of 20 aM, while the flat gFETs displayed a signal change at 2 pM. Additionally, a DNA 

probe was tethered to the crumbled gFET complementary, to the target miRNA or Let-7b 

in human serum. While a shift is seen at 20 aM, the standard deviation makes it difficult to 

differentiate. Another strategy for enhancing sensitivity is using peptide nucleic acid (PNA). 

PNA is a synthetic oligo, with a peptide backbone in the place of (deoxy)ribose sugar–
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phosphate chain. PNAs are more stable and have less negative charge, which improves the 

probe proximity to the graphene surface. The LOD of DNA concentration using PNA was 

shown to be 600 zM which is more sensitive than using DNA probes. Crumbled gFETs 

sensor shows unprecedented and incomparable sensitivity without target amplification. 

While the results are undebatable impressive, it is important to keep in mind what the 

resolution of any machine is when examining small shifts, even if the fold change is large. 

The error of the machine nor signal-to-noise ratio are discussed in the paper, making it 

difficult to fully assess.

Another way to improve the sensitivity of a gFET sensor for detecting nucleic acids is to use 

a CRISPR complex to improve the binding and search capabilities of the biochemistry. This 

can be particularly useful when working with real biological samples that contain small copy 

numbers of long strands of DNA. This way the novel and ultrasensitive gFET biosensor 

is combined with the selectivity and specificity of CRISPR-Cas system [47, 74]. Such 

accurate measurement is specifically useful for the detection of single-point mutation and 

single-gene disorders such as sickle cell anemia [75, 76] or SARS-Cov2 variants without 

amplification [74]. This section gives first a comprehensive description about CRISPR-Cas 

detection system and applications. Then, we will explain the mechanism of CRISPR-Cas 

gFET detection platforms.

4.2 CRISPR-Cas System

CRISPR (Clustered Regularly Interspaced Short Palindromic Repeats) [77] and associated 

protein (Cas) has been established as a bacterial immune system [78] evolved in Bacteria 

and Archaea [79] against bacteriophage invasion. The CRISPR locus has two main parts 

which when transcribed, become the CRISPR-Cas system. The first part of the CRISPR 

locus is the Cas operon, which codes for a wide variety of Cas proteins [80]. The Cas 

protein, or CRISPR-associated protein, is an endonuclease responsible for the binding and 

cleavage in CRISPR-Cas systems. The other component of the CRISPR locus is the CRISPR 

array, which contains spacer regions. When transcribed and spliced, these spacer regions 

become the CRISPR RNA or crRNA, which forms a complex with the Cas protein and 

guides the endonuclease to the target region of DNA (deoxynucleic acids) or RNA. When 

the Cas protein and crRNA come together, they form the ribonucleoprotein complex or RNP.

Protospacer Adjacent Motif (PAM), a three to six specific nucleotide sequences (e.g., 

spCas9, NGG, N can be A/TG/C) is required at the target site to be recognized by the 

RNP complex to complement with crRNA and cleave the sequence [81].

The trans-activating CRISPR RNA or “tracer RNA,” pairs with the CRISPR RNA (crRNA) 

to create a functional guide RNA (gRNA). Within this gRNA complex, the tracrRNA acts 

as a handle for the Cas9 enzyme, while the crRNA spacer sequence guides the complex to 

a specific viral sequence that matches it. The potential of CRISPR-Cas system to precisely 

cleave at specific site and easy to engineer guide RNA (=tracerRNA+crRNA) has opened a 

new frontier in gene editing. For instance, the first pig-to-human heart transplant has been 

enabled by CRISPR genome editing [82].
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In the CRISPR-Cas system, the concept of classes and types is used to categorize and 

classify different variants of CRISPR systems based on their molecular components and 

mechanisms of action. Based on the number of subunits in the molecular structure, CRISPR-

Cas systems have been divided into two classes, both of which have multiple types and 

subtypes.

Class I contains types I, III, and IV, made up of multi-subunit complexes [83] These 

complexes have a broader variety of enzymatic activity including auxiliary messenger 

molecules, such as cyclic oligoadenylates (cOAs) which can provide additional cleavage 

events. The most well-known type of Class I is type III which contains Cas10 and a set of 

auxiliary subunits called Csm and Cmr [84].

Class II contains types II, V, and VI, which only have a single subunit. While 90% of 

CRISPR systems fall under Class I, they are significantly less well studied than their Class 

II counterparts, which contain Cas 9 in type II, Cas 12 in type V, and Cas13 in type VI [83]. 

Because many clinical applications use Class II CRISPR complexes, this is what we will 

be focusing on for electrical sensing. Cas 9 and guide-RNA (gRNA) complex specifically 

target and cut dsDNA. However, Class I complexes offer advantages for some applications 

where the detection of various byproducts can be further utilized for biosensing. For Class II 

CRISPR complexes, gRNA is made up of two different sections, which can be synthetically 

produced as a single unit, called the single guide RNA or sgRNA. The crRNA or CRISPR 

RNA has one segment that is complementary to the target sequence, while the tracrRNA fits 

into the scaffold of the Cas protein. If both the PAM and target sequence are present, Cas 

will bind and cut the DNA or RNA.

There are two distinct types of cleavage that Cas can have cis or trans cleavage. Cis cleavage 

is when the Cas complex cuts at the target region. Trans cleavage, also known as collateral 

cleavage or non-specific cleavage, occurs during target recognition when the activated RNP 

complex non-discriminately cleaves either RNA or DNA at off-target sites that partially 

match the guide sequence of gRNA or crRNA.

Cas9 targets dsDNA and exhibits only cis-cleavage, making it particularly useful for gene 

editing applications and is also used for CRISPR diagnostic and dead-Cas9-mediated 

imaging applications. Cas12 recognizes and exhibits cis cleavage on dsDNA and trans-

cleavage after target recognition and cleaves ssDNA and Cas 13 targets RNA and displays 

both cis and trans cleavage [85]. Most of these technologies use Cas9, Cas12, and Cas13 

either in isolation or grouped together. However, this field is very much still in its nascence – 

so more research is conducted about other CRISPR Cas systems, specifically in type I.

4.3 CRISPR-Cas Powered gFET Biosensor

Because of CRISPR-Cas gene editing potential and also for many analytical applications 

several systems have been described in the literature in combining CRISPR-Cas system with 

gFET biosensors. Recently, CRISPR Cas13a target detection-mediated collateral cleavage 

was utilized to detect SARS-CoV2 and respiratory syncytial virus samples without the 

need for PCR analysis. For instance, functionalized RNA reporter sequence is trans-cleaved 

upon Cas13a activation by Li et al. gFET platform for amplification-free detection of 
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SARS-CoV-2 virus [86]. In their platform, a PolyU reporter RNA oligo was tethered to the 

surface of the gFET. Then, pre-incubated Cas13a and the target RNA were introduced on 

the gFET. The presence of the target activates the Cas13a trans-cleavage activity towards 

the PolyU reporter. The sensor monitors the source-drain current before and after adding the 

target sequences (SARS-CoV-2 N gene, 1 fM) while keeping a constant source-drain voltage 

(Vds = 100 mV) and sweeping the gate voltage (Vg) from −1 to 1 V with steps of 10 mV. To 

optimize the sensor response and to decrease the LOD up to 1aM, incubation time, MgCl2 

concentration, Cas13a concentration, polyU probe length, and incubation temperature were 

tested. To further validate the assay design, respiratory syncytial virus (RSV) was also tested 

and achieved the LOD of 1 aM. The assay was next tested on heat-inactivated SARS-CoV-2 

from clinical samples. The assay successfully decimates the difference between positive and 

negative samples making it comparable to RT-qPCR. The easy programmability of the assay 

to detect different pathogens displays the robust design of the assay. Since gFETs do not rely 

on optical sensing, the assays are easily completed by liquid handling devices.

Another successful gFET platform for detecting genetic mutation without DNA 

amplification developed by Hajian et al. [47] They immobilized CRISPR-Cas9 on gFET 

to analyze DNA samples collected from in vitro cell lines and clinical samples of DNA 

with two distinct mutations in patients with Duchenne muscular dystrophy or DMD. In 

their platform named CRISPR-chip, standard carbodiimide chemistry is used to link dCas9 

(catalytically deactivated Cas9) to lattice of the graphene. A scrambled gRNA sequence has 

been applied in order to access the specificity of the detection. In the clinical investigation, 

authors demonstrate by targeting exon 51 in the dystrophin gene, the CRISPR-Chip 

differentiates between healthy and patient samples, DMD patients with a mutated exon 

3, and DMD patients with a mutated exon 51. Their results show CRISPR–Chip generated 

an enhancement in output signal relative to the samples lacking the DNA target sequence 

without amplification, within 15 min, and with a sensitivity of 1.7 fM.

As shown in Fig. 7, CRISPR-Cas9 protein was conjugated on a gFET surface to 

detect Sickle cell and Duchenne muscular dystrophy (DMD)-associated mutations at fM 

concentrations in extracted human DNA without sample amplification [47, 75]. In Fig. 

7b, c, it can be observed that CRISPR-Chips functionalized with dRNP-DMD3 and dRNP-

DMD51 exhibited a significant increase (P ≤ 0.00059) in signal output when exposed to 

genomic samples containing the target exons 3 or 51. This enhancement was observed in 

comparison to DMD samples that had deletions specifically at exon 3 or 51. Furthermore, 

additional experiments were conducted to establish a negative signal threshold.

In an additional investigation, Ban et al. have recently developed a single-cell multiomics 

platform to detect variants of the SARS-Cov2 antigen and viral RNA without amplification 

[74]. The biosensor platform showcased combines a chimeric probe (RNA-DNA) for 

detecting RNA using LwaCas13a’s collateral cleavage activity. The biosensor has the 

capability to distinguish unprocessed Saliva samples of SARS-CoV-2, Influenza, and 

Rhinovirus and a LOD of approximately 65 attomolar (aM) is calculated for viral RNA 

isolation without the need for amplification.
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4.4 Extracellular Vesicles and Cells

In addition to detecting of proteins, small molecules, and nucleic acids as discussed above, 

gFETs are increasingly being researched for direct detection of cells and extracellular 

vesicles [87]. For example, exosomes are small extracellular vesicles expelled by both 

healthy and tumorous cells present in blood serum in high abundance (108–1011 particles 

mL−1). The presence of an exosome with cancer-related surface biomarkers and its genetic 

cargo are important for liquid biopsy diagnostics. By immobilizing anti-CD63 and anti-

CD151 antibodies on a graphene channel, a gFET sensor demonstrated specific detection of 

CD63+ and CD151+ exosomes. The change in electrical properties of the graphene in the 

presence of highly charged captured exosomes resulted in change in electrical parameters of 

gFET at low concentrations.

Similar device design and surface chemistry for exosome detection can be extended toward 

monitoring of interactions with cells. An early example of gFET sensing used a device with 

an array of graphene sensors to track the flow of cells in a microfluidic channel. In addition 

to this electrical detection, these sensors were built on top of a glass substrate, which 

allowed simultaneous optical and electrical interrogation of the cells in the channel. The 

transparent nature of graphene is often emphasized in sensing literature as beneficial to these 

kinds of combined optical and electrical measurements. While optical graphene materials 

and electronic graphene tools are both now much more accessible in biology labs, combined 

systems remain sophisticated nanotechnology tools. Beyond simple detection of cells, the 

biocompatible nature of graphene enabled gFET sensors for monitoring cardiomyocytes and 

neuron activity.

5 Requirements for Successful Use

5.1 Scaled Manufacturing

A major hurdle to providing graphene biosensors to biological researchers is the typical 

manufacture of nanoelectronics in research-oriented clean rooms by teams of research 

scientists. Increasingly, there are commercial options for obtaining graphene material, 

graphene chips, and entire gFET FEB sensing systems.

Critically, the cost of graphene and graphene chips has come down significantly. Figure 8 

shows the quality assurance results from an example batch of commercially manufactured 

gFET FEB sensors. For these chips, the cost of graphene was $0.019 per cm2. This comes 

from the average cost of copper foil of $0.012 per cm2 and the cost of power to run furnaces 

to grow the graphene of $0.007 per cm2 of grown graphene. This is less than the price of 

silicon wafer substrates used for these sensors, which was $0.40 per cm2 for 150 mm wafers. 

The cost of processing the wafers through a commercial foundry was 20-fold greater than 

the cost of the graphene raw material, making conventional wafer processing the dominant 

costs in producing a gFET FEB device.

Figure 8 presents quality assurance data from three production lots comprising 27 150 

mm wafers and 7,992 chips produced over the course of 1 year. Quality assurance 

processes focus on reproducibility and cost rather than searching for occasional outstanding 

performance. Specifically, this means the usage of automated optical microscopy commonly 
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found associated with commercial silicon fabrication to search for contamination and 

graphene tearing over entire wafers, rather than using nanotechnology specialized research 

hardware such as atomic force microscopy or Raman spectroscopy.

Differential interference contrast microscopy is used along with AI-enabled defect 

identification to perform optical evaluations, such as those shown in Fig. 8b–d. The 

schematic of the chip side view has been shown in Fig. 2a, b with materials indication. 

Briefly, yellow material is platinum electrode, blue is the silicon nitride passivation layer, 

and the line is the graphene electrode.

At the end of the QA process during commercial fabrication, a map of percent yields on 

different areas of each wafer, shown in Fig. 8e, is produced, and used for chip packaging 

selection. Although most of the focus for the cost of gFET sensor chips is on wafer scale 

fabrication issues, the actual driving cost of gFET sensor manufacturing is chip packaging. 

Costs dominated by packaging are not unique to gFET sensors but are very common across 

a wide range of electronics. Recently, gFET sensor manufacturers were included in the 

semiconductor industry working group forming the roadmap for Advanced Packaging. This 

is the first significant semiconductor roadmap to include graphene chip fabrication which 

can be found on the Semiconductor Research Corporation Webpage [88].

5.2 Surface Chemistry

When designing your experiment, determining the method of capture molecule 

immobilization is the first step. Currently, the most common surface chemistries use a 

pyrene with a butyric acid functional group [89, 90]. This molecule (PBA) can be used 

as is, or it can be used with an attached N-hydroxysuccinimide ester (PBASE) [91]. Both 

of these approaches use carbodiimide crosslinker chemistry, but when using PBA, you 

must apply N-ethyl-N’-(3-dimethylaminopropyl) carbodiimide hydrochloride (EDC) and 

N-hydroxysulfosuccinimide (sNHS) to activate the carboxylic group immediately prior to 

use. PBASE does not require this; however, the attached NHS ester will hydrolyze in the 

presence of water, adding a timing and purity complication to storage and use. Both of these 

approaches will covalently link to an amine presented by a biomolecule in solution.

Other common surface chemistries include pyrene with a nitrilotriacetic acid (NTA) 

functional group that will associate with a His tag in the presence of NiCl2, and CLICK 

chemistry-enabled pyrene linkers. [92]

5.3 Choosing a Capture Molecule for Immobilization

There are many factors to consider when selecting your immobilized capture molecule. First, 

your target must be able to bind to the graphene biosensor surface. Capture molecule should 

generally contain a free primary amine to be covalently linked via the common PBA or 

PBASE chemistries. If this is not the case, more exotic crosslinkers will be necessary. The 

location of the free primary amine or other binding tag relative to the binding region of the 

targeted analyte can affect the performance of system as a whole. A binding pocket that is 

facing down into the graphene will not be effective.
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Size also plays an important factor when choosing a recognition element. Smaller 

immobilized capture probes have reduced interaction surfaces that may be sterically 

hindered through direct attachment to the surface, and thus obstruct binding to the analyte 

[93]. For small capture molecules, the use of a spacer arm for attachment to the surface 

is recommended. The benefit of smaller capture molecules is the proximity of the binding 

interaction to the graphene surface, which will yield a greater change in electrical properties 

than when the interaction is further away from the surface (Fig. 9).

Buffer conditions may also affect your choices in recognition elements. Proteins or 

chemicals in the buffer used during immobilization may interact with your surface chemistry 

(i.e., bovine serum albumin [BSA] used as a carrier molecule to increase stability of 

proteins) will also bind along with your specific molecule to the graphene. This can lead to 

a decrease in signal by reduction in capture probe attachment, or a misleading increase in 

perceived binding due to your analyte interacting with the nonspecific proteins crosslinked 

to the surface.

If you suspect that specific capture molecule orientation is crucial, alternative binding 

strategies may be helpful. For specific orientation of a recognition element to a surface, 

His-tag mediated immobilization to NTA biosensor chips is often used.

5.4 Capture Molecule in Solution

Several factors should also be considered when selecting your capture molecule. Size of the 

analyte can affect the amount of measurement time needed, as smaller molecules diffuse 

much faster than larger molecules. Small molecules may also more easily move through a 

blocking layer made of a polymer such as PEG. However, large molecules tend to show 

more clear changes in capacitance due to the increased displacement of liquid volume 

compared to smaller molecules.

5.5 Buffers and Blocking

gFET sensors are versatile and compatible with many commonly used physiological buffers 

such as phosphate buffered saline (PBS), N-2-hydroxyethylpiperazine-N-2-ethane sulfonic 

acid (HEPES), and Dulbecco’s modified Eagle medium (DMEM). Although graphene 

literature contains many examples of sensing with extremely dilute buffers, variability in 

measurement will increase with decreasing salt concentration, and gate voltage control 

is extremely difficult when using less conductive liquids; consider also the stability and 

function of the biochemistry in addition to the performance of the gFET when choosing 

the optimum assay buffers. It is also recommended to avoid buffers with pH ≤ 2.0 as 

extremely low pH can disrupt the pi-pi stacking between commonly used pyrene-based 

surface chemistries and graphene. The buffers used during EDC/sNHS crosslinking should 

not include any amine- or carboxylate-containing buffers or components (e.g. Tris–HCl 

buffer).

As in standard biochemical assays, one goal of blocking is to improve your signal-to-

noise ratio by physically blocking nonspecific interactions without interfering with specific 

binding interactions. An additional goal when using a gFET sensor is to create a Donnan 

potential at the surface. Polyethylene glycol (PEG) is a common blocker for gFET sensors, 
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as is BSA. In some cases, adding low concentrations of detergents like Tween 20 to the 

assay buffers may be more effective than a static blocking layer alone.

Ideally, a gFET FEB sensor is equilibrated and calibrated in a buffer that is as similar as 

that containing the analyte as possible. This prevents changes in composition such as salt 

concentration, pH, and preservative concentrations from contributing to the sensor response. 

For example, if your analyte is in human serum, then you may want to use a synthetic 

serum substitute as your assay buffer during equilibration, in addition to using it as a 

diluent. Similarly, for animal samples or cell and tissue lysates, you may want to use a 

species-specific serum albumin to mimic the nonspecific proteins found in your sample.

5.6 Looking Forward: Multiomics

Almost 20 years ago, the Human Genome Project verified something that greatly 

complicated the way we understand biology: that proteins are not derived from simple 

expression of the genetic codes in nucleic acid sequences. The human genome contains open 

reading frames that code for roughly 20,000 canonical proteins. Around 70,000 additional 

proteins can be created by using alternative splicing of the DNA code. However, to our best 

understanding, a single human cell contains at least 1,000,000 different forms of proteins.

The elegance of the Central Dogma of biology that information cannot be transferred 

from protein to protein has been necessarily augmented by an understanding that reality is 

much more complicated. The definition and construction of a particular protein is due to 

multiple overlapping parameters such as gene expression and post-translation modifications, 

which are regulated by interactions with other genetic molecules, methylation, mutation, and 

transcription factors. In addition, the function of the same protein requires a multitude of 

interactions between other proteins, small molecules, and metabolic markers. Complexity in 

biology comes not only from the complexity of the networks of interactions involved, but 

also in the variations in the parts of those networks. This compounded complexity creates 

limits to what can be accomplished via reductionist approaches to biology, as well as limits 

to the usefulness of naive mappings of engineering and computer science concepts into 

biology.

This understanding led to the creation of the field of systems biology, the study of emergent 

patterns from the dynamic complexity of biology rather than focusing on a particular type 

of molecule, such as genomics, proteomics, or metabolomics. An early editorial in Science 

put it well: “the pluralism of causes and effects in biological networks is better addressed 

by observing, through quantitative measures, multiple components simultaneously, and by 

rigorous data integration with mathematical models.” This powerful concept offers a way 

forward to understand how observable traits come about in biological systems and the 

creation of a new approach to measurement: multiomics.

Multiomics is a challenging idea. Gaining understanding of biology at a system level 

based on combining a large number of simultaneous measurements including pH, mRNA, 

DNA, and enzyme activity is going to require far more than “simply” fully realizing 

gFETs as a multiomics measurement platform. There will remain challenges in sample 

collection and processing, experiment design, data interpretation, and a host of other 
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issues. Despite all this, “simply” using a single measurement platform to execute a wide 

range of measurements could open the doors for far more people to try out multiomics 

studies. To understand and overcome the experimental challenges necessary to standardize 

and democratize multiomics, we need tools to enable more experimentation, more data, 

and more creativity. Many of the most popular biosensing platforms have been widely 

commercially available for decades, and have developmental histories going back 50 years 

or more. In comparison, gFETs have only recently gained attention as biosensing platform. 

Yet in that short time, a tremendous amount of progress has been made, demonstrating 

capabilities far beyond what has been capable with traditional semiconducting materials. 

The maturation of graphene device manufacturing in recent years shows broad accessibility 

through scalable commercialization will be realized in near term [45, 68].

In the last few years, we have seen a change in the character of papers published in gFET 

sensing literature. It is often the case that different fields and different stages of technology 

development require different types of studies. Classical gFET literature commonly applied 

a large number of samples to a small number of test chips in a repeated fashion. This was 

necessary because of the difficulty in constructing a working sensor. Recently, there have 

been a few studies that follow the statistical conventions of biology research and apply a 

smaller number of samples to a larger number of test chips. [47, 94–96] This is a subtle but 

significant difference. Device designs and analysis are standardizing, while gFET production 

on a small scale is maturing [45, 68, 97].

In the coming few years, we expect to see a transition in proof-of-concept studies using 

gFETs from testing a single analyte per sample to testing multiple analytes per sample 

simultaneously. We have seen studies that used hundreds of gFETs, we should soon see the 

first biosensing studies that use thousands of gFETs. These are small milestones that do not 

yet reach the scale of multiplexing and throughput that are common with traditional optical 

methods. The distinguishing characteristic should be that gFETs can monitor protein, small 

molecule, and genomic activity together at the same time. This, at last, would indicate a 

transition from “promise” to reality for gFETs as a multiomics platform.
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Fig. 1. 
A schematic view of the surface of an Agile R100 biosensor chip. (a) Immobilized probe 

bound to biosensor chip. (b) Capture probe binding on the biosensor surface detected using 

FEB and the change in current
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Fig. 2. 
(a) Scheme of the sensor architecture. Circular sections on top of the graphene represent 

proteins embedded in a blocking layer, represented by curved lines with two Pt electrodes 

in the liquid as gate and reference and two Pt electrodes on a chip for source and drain. (b) 

A microscopy image showing an entire sensor surface. Red scalebar is 1 mm. There are 15 

graphene strips grouped into three groups of five, exposed through the silicon nitride (SiN 

= Si3N4) protective layer. The center of the circuit is the gate measurement pad (pseudo-

reference) and the large pad surrounding the graphene strips is the liquid gate (counter 

electrode). (c) Diagram of the sensor regions near the graphene. The double layer region is 

0.3/ csnm tall, where cs is the ionic strength of the bulk solution. The Donnan equilibrium 

region is the thickness of the combined protein and blocking layer on the surface. (d) Picture 

of the complete biosensor
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Fig. 3. 
(a) Change in current due to change in pH. Fit is linear with a slope of −3.2% per pH unit. 

(b) Change in current due to change in ionic strength, when pH is held constant. Fit is linear 

with a slope of 3.0% per molar unit of NaCl. (c) Change in slope (dI/dVg) due to change in 

pH. Fit is linear with a slope of 5.9% per pH unit. (d) Change in slope due to change in ionic 

strength. Response is fit to −0.3 NaCl . Each datapoint in this figure is an average of data 

from four sensor chips
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Fig. 4. 
(a) Diagram of the steps of protein immobilization and measurement used here. First, 

antibodies against IL-6 are immobilized, then PEG is added as a blocker for nonspecific 

binding, then measurements are performed with IL-6. (b) Change in current and (c) change 

in slope (transconductance) for 23 different sensors during immobilization process. Shading 

is used to delineate steps: 1: calibration in MES buffer, 2: COOH activation by EDC/

sNHS incubation in MES buffer, 3: wash in MES, 4: antibody incubation in PBS, 5: PEG 

incubation in PBS, 6: reaction of remaining COOH groups with ethanolamine, 7: wash in 

PBS buffer
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Fig. 5. 
(a) Change in transconductance of sensors functionalized with antibodies against IL-6 

to different concentrations of IL6, each measurement from a different sensor chip. (b) 

Simultaneously measured change in current
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Fig. 6. 
Dose-response curves generated for TNFα interacting with SPD304 (black; 

KD = 3.3 ± 0.7μM), Evans Blue (blue; KD = 1,102 ± 107μM), and Trypan Blue (red; 

KD = 2,454 ± 415μM). The determined KD values are given in the legend. For comparison: 

The IC50 of each inhibitor respectively is 22 μM, 750 μM, and 1,000 μM [1]
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Fig. 7. 
CRISPR-Chip analysis of healthy and DMD clinical samples for DMD-associated 

dystrophin exon deletions. (a) Schematic of the dystrophin gene with highlighted target 

exons. (b) Top, I response obtained by CRISPR–Chip functionalized with dRNP-DMD3 in 

the presence of healthy (H1, H2, and H3) and A-F DMD clinical samples (* P = 0.017, one-

tailed t-test). Bottom, schematic of sgRNA-DMD3, designed to target exon 3. x represents 

a false negative as confirmed by sequencing. (c) Top, I response obtained by CRISPR–Chip 

functionalized with dRNP-DMD51 in the presence of healthy (H1-H3) and DMD clinical 

samples, A-F, (**P = 0.0014, one-tailed t-test). Bottom, schematic of sgRNA-DMD51, 

designed to target exon 51. Samples H1-H3 did not lack any Exon in their dystrophin 

gene. Samples A, B and C were lacking multiple exons including exon 3 as indicated 

in table e. Sample D, E and F were also lacking multiple exons including exon 51 as 

indicated in table (e, d) CRISPR-Chip’s negative signal threshold was defined by testing 

CRISPR–Chips with samples lacking target exons at the highest concentrations of genomic 

sample obtainable from commercially available buccal swabbing methods to ensure that 

high sample concentrations would not lead to false positives. (e) CRISPR–Chip results for 

the presence of targeted exons (+) within healthy and DMD clinical samples, as defined 
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by a threshold of 1.73%. (f) dRNP-DMD51-functionalized CRISPR–Chip’s I response in 

the presence of varied amounts of clinical sample A (mean; n = 3). (g) Reproducibility of 

individual CRISPR–Chips functionalized with dRNP-DMD51 in the presence of clinical 

sample A. Error bars represent s.d.
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Fig. 8. 
(a) Histogram of test resistances from 5,543 chips. Fit is a log-normal distribution with a 

peak at 13.6 kΩ and a standard deviation of 9.2 kΩ. This is for a target graphene resistance 

of 10 kΩ. (b) Microscopy image of defect-free graphene sensor (c) Microscopy image of 

a graphene sensor with minor polymer contamination highlighted by the red arrow. (d) 

Microscopy image of a graphene sensor with major graphene tearing highlighted by the red 

arrow. (e) Wafer yield map combining data from 27 wafers, showing cumulative % yield per 

0.4 cm2 area
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Fig. 9. 
Orientation of the capture molecule during crosslinking to the surface of a COOH or NHS 

biosensor chips is a random event. As shown in figure 9, sensing of the analyte by an 

antibody is only prevented when the variable region of the antibody binds directly to the 

surface. This is valid for every biosensor construction
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