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Abstract 

The organic electrochemical transistor (OECT) has unique characteristics that distinguish it from other 

transistors and make it a promising electronic transducer of biological events. High transconductance, 

flexibility, and biocompatibility render OECTs ideal for detecting electrophysiological signals. Device 

properties such as transconductance, response time, and noise level should, however, be optimized to 

adapt to the needs of various application environments including in vitro cell culture, human skin, and 

inside of a living system. This review includes an overview of the origin of electrophysiological signals, 

the working principles of OECTs, and methods for performance optimization. While covering recent 

research examples of the use of OECTs in electrophysiology, we provide a perspective for next-

generation bioelectric sensors and amplifiers for electrophysiology applications. 

  

mailto:
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1. Introduction  

Physiological signals originate from the activities of living systems, such as cardiac movement, neuron 

stimulation, muscle contraction, respiratory volume changes, and vascular blood flow. Health 

professionals routinely monitor physiological signals to evaluate the health of individuals and the status 

of their bodily functions. Among the various physiological signals, electrophysiological signals have 

long been measured in the clinic by electronic devices. These signals arise from the membrane potential 

changes of electrically active cells, e.g., neurons in the brain controlling bodily functions, muscle cells 

enabling motion, pacemaker cells governing heart rhythm, and pancreatic cells responsible for insulin 

release. The common electrophysiological signals that are of clinical interest are electrocardiography 

(ECG, recordings of the cardiac movement), electroencephalography (EEG, tracing brain tissue 

activities), and electromyography (EMG, examining the behavior of muscle fibers or cells). The crucial 

roles of these signals in the body render the development of their acquisition methods and monitoring 

devices particularly important, thus has given rise to an active field of research. 

Electrodes provide the basis for the traditional acquisition methods. They are fabricated in a particular 

geometry depending on where they will be used, which includes cellular, epidermal, and implantable 

applications. For example, electrodes fabricated on flexible and thin tissue-penetrating probes are 

typically used in vivo,[1] while planar multi-electrode arrays (MEAs) detect signals from cells cultured 

in vitro.[2] As for epidermal recordings, the standard is a millimeter-sized Ag/AgCl electrode combined 

with ionically conductive gels. Although the requirements of electrode design for each application are 

different, the effectiveness of signal acquisition can be evaluated with the same parameters, i.e., the 

signal-to-noise ratio (SNR) and the amplification factor (also called gain). The SNR is defined as the 

ratio of the power of the desired signal to the power of noise, and thus characterizes noise interference. 
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While large single electrodes pick up signals with high SNR from the skin, they cannot be applied in 

vivo due to invasiveness. High-density electrode arrays consisting of multiple small electrodes resolve 

the target region more precisely and may differentiate signals from individual neurons or smaller cell 

assemblies. However, SNR typically decreases as the electrode gets smaller, and, as such, 

miniaturization comes at the expense of increased impedances,[3] which requires different form factors 

to compensate for. The amplification factor describes the extent of signal strength boost from input to 

its output. As an electrode is a passive device, it cannot amplify acquired signals from several microvolts 

to the level of volts. Therefore, the electrode needs a subsequent analog front-end (AFE) circuit to 

amplify the signal when wired into an electronic system. This configuration increases the gain of signal 

but also leaves the system vulnerable to many sources of noise along its pathway. The noise is amplified 

with the desired signal in the same degree, so the SNR does not improve. Device designs alternative to 

conventional electrodes can thus allow for obtaining electrophysiological signals with high SNR and 

gain and developing such devices has been a major goal.  

In addition to the device design, the active materials have an impact on SNR and amplification. Classical 

electrophysiology electrodes are metals such as titanium (Ti), platinum (Pt), gold (Au), and their alloys 

which show high biocompatibility, high charge transfer capability and low/non-reactivity in in vivo 

environments.[4] These metals offer high mechanical strength and a low risk of brittle fracture, and 

therefore a lower risk of catastrophic mechanical failure for implantable applications. In addition to the 

metals mentioned above, silicon is also used for the manufacturing of microelectrodes,[5] due to its 

excellent charge transport properties and mass fabrication. Wet etching bulk silicon by 

photolithography provides a low-cost, high-resolution, and reproducible micromachining method for 

fabricating a variety of desired micron scale structures.[6] The main drawback of these materials is their 
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hardness; they can tear tissue during surgical placement or when implanted and may not be compatible 

with soft tissues they interface in vitro. The mismatch between the mechanical properties of metals and 

the tissue at the target site is believed to induce trauma, resulting from micro-motion of the hard implant 

damaging surrounding tissue, which exacerbates the foreign-body response of the immune system.[7, 8] 

Their rigidness is another problem which causes discomfort to the user when the devices are worn on 

the skin. Electrodes used to record electrophysiological signals on the skin must achieve perfect 

coupling to the signal source to ensure a high SNR and for this, conformability on the curvilinear skin 

is essential. 

With their compatibility with various solution-based deposition techniques, soft mechanical properties, 

and low electrochemical impedance endowed by large surface area and ionic conduction in their bulk, 

conducting polymers such as poly(3,4-ethylenedioxythiophene):polystyrene sulfonate (PEDOT:PSS) 

have been used as coatings on electrodes for various electrophysiology applications.[9-12] While 

conducting polymer electrodes improved the SNR significantly and provided compatible surfaces for 

neural growth[13] or skin interfacing,[14] transistors with a built-in preamplification have advanced the 

field further. The organic electrochemical transistor (OECT) combines the favorable mechanical 

properties of conducting polymers with the local amplification of the transistor circuit and allows for 

massive integration.[15] The OECT is a three-terminal device which employs a (semi)conducting 

polymer in the channel between the source and drain electrodes and in direct contact with the biological 

electrolyte (Figure 1A). The third electrode, i.e., the gate electrode, is placed in the same biological 

milieu as the channel. A voltage at the gate electrode pushes ions in and out of the channel, generating 

a large change in channel conductivity. Through this architecture, the ion movements generated by 

electrically active cells which lead to electrophysiological signals can be captured in the drain current 
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profile. The primary advantage of the OECT is its high transconductance that exceeds that of all other 

electrolyte-gated transistors.[16] The large transconductance is a result of the mixed ionic and electronic 

conductivity of the channel materials. The mixed conduction of ion permeable polymers such as the 

intrinsically doped polymer PEDOT:PSS or the polar side chain tethered semiconducting 

polythiophenes (Figure 1B) leads to large ionic-to-electronic charge coupling in the channel, hence, 

high volumetric capacitances.[17] This efficient charge transduction renders OECTs ideal for picking up 

small ionic fluxes generated by cells. Another feature of OECTs attractive for electrophysiology 

applications is their flexible geometry. The fact that the gate electrode can be physically separated from 

the channel and conducting polymers can be processed into various shapes enable unconventional form 

factors such as tubular or fiber-based OECTs.[18-20] In addition, this architecture also makes OECTs easy 

to integrate with various flexible substrates compatible with a broad range of fabrication processes. 

Finally, mixed conductors used in OECTs may make their use particularly interesting at the cellular 

interface. For example, PEDOT:PSS is optically transparent in the visible light spectrum, which allows 

for simultaneous optical and electronic readouts.[21] The channel material can as well be functionalized 

with biological components, rendering them ideal for interfacing tissue.[22]  
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Figure 1. (A) Configuration of an electrolyte gated OECT. (B) Chemical structure of the 

(semi)conducting polymers (i) PEDOT:PSS and (ii) poly(2-(3,3′-bis(2-(2-(2-

methoxyethoxy)ethoxy)ethoxy)-[2,2′-bithiophen]-5-yl)thieno[3,2-b]thiophene), p(g2T-TT).[23] 

 

This review aims to give an overview of the research that has applied OECTs for electrophysiological 

signal acquisition. We first introduce the origin and types of electrophysiological signals and then 

explain the working principle of OECTs with an emphasis on the optimizations done that have improved 

their performance. We show selected electrophysiology applications of OECTs and describe the 

materials and processes used and detection mechanisms adapted. These applications are categorized 

under three themes based on where the devices are placed, namely, in vitro, on the skin, and in vivo.  

 

2. Electrophysiological signals 

Electrophysiological signals are caused by changes in the membrane potential of individual cells. They 

can be considered under two categories: micro- and macro-signals, which characterize the information 

acquired at the cell/tissue level and the organ/system level, respectively. Cellular applications refer to 

the culture of cells or tissues outside the living system (in vitro) and assessing the changes in the micro-

potentials of these samples. Epidermal applications involve the acquisition, on the macro-scale, of 

electrophysiological signals from the surface of human skin. Implantable applications represent 

acquisition methods in which devices are implanted inside living systems, and are applicable to both 

macro- and micro-signals. 

2.1 Micro-signals 

In the micro-scale category, two types of potential changes exist: action potentials (APs), generated by 

an individual cell when it performs its function, and local field potentials (LFPs), which describe the 

potential changes around cells caused by APs. Proteins integrated into the cell membrane exchange ions 
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between the intracellular milieu and the extracellular space. Based on the net direction of flow of cations 

and anions, short-lasting potential perturbations occur across the cell membrane. APs are a result of 

such short-lasting potential perturbations upon opening and closing of Na+, K+, and Ca2+ channels[24] 

(Figure 2A).[25] Figure 2A shows Figure 2B shows a typical change in the membrane potential of a 

neuronal cell during an AP. APs have different characteristic speeds depending on the cell type. For 

example, APs in the brain are fast, with response times in the order of 1 ms, while muscular neurons 

are typically slower with response times of around 2-5 ms. AP can be much slower in cardiac cells; 

considering an average heart beat rhythm of 60 bpm, the response time of cardiac cells is usually in the 

order of 200-400 ms. The APs of single cells cause spikes in the potential around the cell, and an 

aggregation of those spikes produces a more complex and slower pattern, which is known as an LFP. 

LFPs are distinct electrophysiological signals which are not restricted to the immediate area around the 

active cells, and can be recorded far away from their location of origin. 

APs and LFPs can be recorded near cells, which is especially relevant in in vitro testing. To record APs 

in a cell culture, the voltage across the membrane must be measured. This can only be done by placing 

an electrode inside the cell, and referencing it to an electrode outside the cell. Patch clamping is a 

common technique to record APs.[26] It is performed by attaching a glass pipette to the cell, then 

applying a force to rupture part of the cell membrane while keeping the cell membrane intact. The 

electrode inside the pipette is in contact with the cell cytoplasm, while the other electrode detects the 

extracellular potential. Although patch clamping has been the primary method to study the dynamics of 

neural cells and understand diseases, it is invasive and hard to scale up. Nevertheless, some signals can 

be recorded without referencing an electrode inside the cell, only using extracellular electrodes. APs 

cause local changes in the ion concentrations, which generate potential spikes.[27] These AP spikes can 
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be picked up by electrodes that are placed near the active cell. While the spikes are different from APs 

recorded across the membrane, they are tightly linked to APs, and allow us to draw conclusions on 

cellular activity.[27] Additionally, LFPs can be recorded extracellularly, therefore the techniques used 

are less invasive, and they provide information to understand the dynamics of the cell culture system, 

and how cells interact with each other.[28] 

 

Figure 2. (A) The origin of the electrophysiological signals at the cellular scale. Intracellular potentials 

and corresponding electrical field emitted. A dipole comprising two ion channels (source and sink) is 

represented with ions (anion in blue and cation in red). The equipotential field lines are represented in 

black. Reproduced with permission. Reproduced with permission.[25] Copyright 2017, WILEY-VCH. 

(B) The change in membrane potential during an action potential.  

 

2.2 Macro-signals 

While recordings of AP spikes and LFPs are valuable to monitor the activity of individual neurons and 

networks, they are less useful to track organ-level activity. Recordings of electrical signals representing 

the macroscopic activity of the entire heart, brain, or muscle, referred to as ECG, EEG, and EMG, 

respectively, provide clinically relevant organ-level information. These signals emerge as coordinated 

APs. For example, cardiomyocytes (heart muscle cells) fire APs during the rhythmic contraction and 

expansion of the heart tissue. The APs propagate throughout the heart as the flow of ions, and are 

simultaneously transmitted outward even to the skin surface, where they are picked up by epidermal 

electrodes. A typical waveform of a normal ECG signal recorded by such electrodes is shown in Figure 



 9 

3A. A complete ECG wave contains the P-Q-R-S-T complexes, representing the electrical activity in 

different parts of the heart that are temporally coordinated by the sinus-atrial node cells in the right 

atrium.[29] During a cardiac cycle, the P wave is first generated by autonomous depolarization of 

cardiomyocytes in the sinus-atrial node. The generation of APs then excites the cells in the atrio-

ventricular node and other electrogenic cells in the heart, which stimulates myocardial contraction to 

generate the QRS complex. Finally, the T wave is generated by the repolarization of the ventricle. The 

interval between two adjacent R-peaks can be used to calculate the heart rate and any abnormalities 

appear as disruptions in this waveform. ECG signals can be obtained from various locations on the 

surface of the human body, but its waveform varies with the location of the electrodes.[30] This makes 

the standardization of epidermal acquisition sites for ECG necessary, with the 12-lead ECG technique 

being the current clinical standard.[31] The 12-lead technique requires the application of 10 lead 

electrodes. It allows the simultaneous acquisition of 12 channels (leads) of ECG signals with different 

morphologies, specifically three limb leads (named as leads I, II, and III), three enhanced limb leads 

(leads aVR, aVL, and aVF), and six precordial leads (V1 to V6). Analysis of the ECG can be performed 

after signal acquisition. The effective frequency range of ECG is 0.05-100 Hz, and the dynamic 

amplitude range is 1-10 mV.[32]  

EEG signals originate from the concurrent synaptic activity of cortical neurons. These LFPs are 

recorded by single electrodes attached to the surface of the scalp that measure the potential with respect 

to other reference electrodes.[33] They are observed as low-amplitude oscillations in different frequency 

bands from the ultraslow to ultrafast spectrums, namely delta (0.5-3 Hz), theta (4-12 Hz), gamma (40-

80 Hz), and ripples (100-200 Hz).[34, 35] These frequency bands capture different aspects of brain cell 

activity. For example, the theta rhythm of an EEG allows clinicians to monitor epileptic seizures and 
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classify them (i.e., based on the appearance of 14 and 6 Hz spikes in this band for adults).[36] Considering 

that the EEG is a non-stationary signal with rhythms varying over time, the time and frequency domain 

analysis methods are combined (Figure 3B).[37] In the time-frequency signal spectrum of the EEG 

oscillations, more red-colored areas indicate a stronger signal component at the corresponding moment 

and frequency. Due to the distorting or attenuating effects of the soft and hard tissues between the 

neurons and the surface electrodes, and the fact that the spatial resolution of surface electrodes is not 

high (an area of 10 cm2 or larger covered by one electrode), it is not possible to discern the signal 

emission pattern of individual neurons from the EEG signal. Despite this limitation, EEG is still a 

cornerstone for the characterization of the macroscopic electrical activity of the brain. Moreover, to 

cover a wider surface area of the scalp, electrode arrays are commonly used to acquire signals from 

different areas of the head. 

Other electrophysiological signals that can be captured from the skin include the EMG and 

electrooculogram (EOG). EMG is the recording of the potential changes generated during the 

contraction of muscle fibers or tissues excited by motor nerves. The signal is correlated to the level of 

activation of the muscle and the force it generates and collected by poles (electrode pairs) or monopoles 

aligned in the direction of muscle fiber.[38] The selection of the surface electrode sites for EMG is more 

flexible than that of EEG, as muscle fibers from any part of the body can be observed using the same 

electrode settings. Unlike ECG, EMG (as well as EEG) have no specific waveform characteristics. 

Frequency-domain based spectral analysis of the signals can give specific information about the status 

of the tissues investigated. The spectral range EMG is usually between 10 and 400 Hz. Due to the 

influence of the acquisition environment and daily human movement, high-frequency artifacts or noise 

interference are often introduced in EMG. Therefore, in practical applications, EMG requires signal 
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processing to extract the low-frequency envelope information, a smooth oscillation outlining the signal 

extremes. Figure 3C shows an EMG envelope (blue line) extracted after pre-processing of the rectified 

EMG signal (green line) using a band-pass filter (BPF), a low-pass filter (LPF), and further 

smoothing.[39] The waveform amplitude variations in the envelope information correspond to the signal 

generated by a person performing a grasping action.  

 

 

Figure 3. (A) A typical ECG waveform and its characteristics. (B) Possible approaches to study EEG, 

including the time-domain signal, spectral information, and the time-frequency domain information. 

Reproduced with permission.[37] Copyright 2010, The Authors. (C) Example of EMG signal enveloping: 

raw EMG signals are pre-processed. The smoothed signal is a prerequisite for grasping recognition and 

stiffness estimation. Reproduced with permission.[39] Copyright 2015, IEEE. (D) Amplitude and 

frequency of various electrophysiological signals. Reproduced with permission.[32] Copyright 2017, 

Wiley Periodicals, Inc.

 

Invasive methods can be used to get closer to the source of signals and thereby increase the resolution 

to the single-cell level. Intramuscular EMG (imEMG) can be acquired by placing needles in direct 
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contact with the target muscle. The imEMG provides a higher signal amplitude than surface EMG, 

though its intrusive nature makes it more difficult to implement. The frequency range of imEMG 

typically approximates that of surface EMG; and imECG can be performed at frequencies up to 10 kHz 

under particular measurement and physiological conditions (electrode spacing, muscle type, adipose 

tissue amount, etc.).[40] Like such invasive versions of EMG, electrocorticography (ECoG) electrodes 

record brain activity under the dura mater of the brain, and depth probes are inserted deep inside the 

brain, providing higher SNRs than epidermal EEG. These electrodes are implanted closer to the neurons 

and can achieve single-neuron resolution.[41] Figure 3D shows the approximate amplitudes, ranging 

from 1 µV to over 10 mV, and frequency ranges, spanning from less than 1 Hz to around 10 kHz of 

common electrophysiological signals. 

3. OECT Operation 

3.1. Steady-state and Transient Characteristics  

OECT uses an organic mixed ion and electron conductor (OMIEC)[42] in the channel whose current is 

controlled by the gate electrode. The application of a voltage at the gate electrode with respect to the 

source (VG) moves electrolyte ions in/out of the channel, doping/ de-doping it. Aqueous electrolyte 

gated OECTs usually operate at low voltage conditions with the drain voltage (VD, potential difference 

applied between the drain and source electrodes) and the VG less than 1 V. Two modes of operation are 

possible depending on the type of OMIECs used: the depletion mode and the accumulation 

(enhancement) mode. We can distinguish these two modes from the ON/OFF state of the current 

flowing in the current (ID) in the absence of VG. In the depletion mode, the OECT is in the ON state 

with no bias applied at the gate. PEDOT:PSS OECTs, for instance, operate in the depletion mode. A 

positive VG injects the electrolyte ions into the channel, which lowers the film conductivity, and turns 
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the device OFF. This is because mobile holes of PEDOT are compensated with the anions of PSS, and 

as the cations are pushed into the channel, they complex with PSS while the holes are extracted from 

the contacts.[43] On the other hand, the enhancement-mode OECTs are turned ON with VG, which leads 

to the accumulation of holes/electrons in the semiconductor as the anions/cations from the electrolyte 

are injected therein. For example, the OECT with p(g2T-TT) as the channel material operates in the 

enhancement-mode. The negative VG electrochemically dopes the p(g2T-TT) with electrolyte anions, 

causing an increase in its conductivity.[23] The depletion-mode OECTs provide a much larger 

transconductance than the enhancement-mode devices at zero (or near-zero) gate voltage conditions. 

Hence, a low gate voltage needs to be applied for operation. By contrast, the enhancement-mode of 

operation reduces the power consumption as the current in the channel flows only when there is an 

external perturbation, such as an AP spike. Additionally, a higher SNR is also expected, as the 

accumulation-mode OECT does not record any noise below its operation threshold.  

In the model suggested by Bernards and Malliaras (B-M model) to describe the steady-state behavior 

of the OECT, the device is considered as a combination of an ionic and an electronic circuit.[44] Both 

circuits are characterized by the mobilities of the moving charges, and the charge density in the channel 

also affects the electronic circuit. The steady-state behavior of OECTs is governed by the mixed 

conductivity of the film, the device geometry and the threshold voltage, which are all reflected into the 

amplification, i.e., the transconductance (gm). The gm is defined as the derivative of the ID with respect 

to VG:[45] 

𝑔𝑚 =
𝜕𝐼𝐷

𝜕𝑉𝐺
= 𝜇𝐶∗ 𝑊𝑑

𝐿
 [𝑉𝐺 − 𝑉𝑇 ].   (1) 

where μ is the electronic charge mobility, C* is the volumetric capacitance, 𝑉𝑇 is the threshold voltage, 

with W, L, and d being the channel width, length, and thickness, respectively.  



 14 

The B-M model also describes the transient behavior of the OECT, which determines the speed at which 

ions penetrate the film, how quickly they interact with electronic charges, and how fast these charges 

are extracted/injected at the source/drain. The B-M transient model considers the part between the gate 

and channel of OECT as an equivalent ionic circuit consisting of a resistor and a capacitor connected 

in series. This approximation implies that the time required for the channel current to respond to a 

change in VG is characterized by the RC time constant. Using the RC model for transient behavior, the 

speed of the OECT can be described by the time constant (𝜏), i.e., the OECT response time. The 𝜏 is 

defined as the time delay of the ID change (ΔID) compared to the change in VG (ΔVG). The response time 

also determines the cut-off frequency (fc), which describes the frequency upper boundary that OECTs 

can achieve for signal acquisition and amplification, expressed as 𝜏 =
1

2𝜋𝑓𝑐
. In applications, transient 

performance determines the temporal resolution of the device, i.e., the highest frequency of the 

electrophysiological signal it can record. OECTs typically have a response time of hundreds of 

microseconds,[46] meeting the frequency requirements of most signal recordings, but fail to acquire the 

entire components of some high-frequency signals, such as EMG signals which can be as high as 10 

kHz for some cases (Figure 3D). The original B-M model is widely used due to its concise formulation 

but assumes some simplifications, such as a constant charge carrier mobility in the channel. Friedlein 

et al. considered the nonuniform charge carrier mobility which depends on the charge carrier density ρ, 

and their exponentially distributed density of states (DOS).[47] 

Experimental data fitted with the nonuniform mobility model can successfully reproduce the output 

characteristics of PEDOT:PSS-based OECTs and better represent the transition from the linear to the 

saturation region in the ID-VD curve. Another method to model OECTs is solely based on the equivalent 

circuits. For example, a theoretical model that accurately captures the transient current response of 
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OECT devices was developed by Faria et al..[48] This model is suitable for analyzing the transient curves 

of plain and cell membrane-integrated OECT devices, and allows for the extraction of effective circuit 

parameters corresponding to each device type. The transient response of OECTs can perhaps be better 

described using a hybrid model that combines both the B-M model and the effective circuit approach.[49] 

Overall, theoretical efforts contribute to our understanding of the fundamental mechanisms of the 

OECT operation and the ion-electron conduction and are essential for rational and rapid optimization 

of devices. 

3.2 Performance Optimization 

OECT geometry has a significant impact on its figure of merits (FOMs), such as the SNR, the gm, and 

𝜏. For example, gm increases as the width (W) and thickness (d) of the film increase and the channel 

length (L) decreases, as shown in Equation 1. However, this does not mean that increasing the gm of an 

OECT by tuning the channel geometry can be achieved without sacrificing other properties, such as the 

𝜏. According to Friedlein model, the 𝜏 of an OECT is proportional to 𝑑√𝑊𝐿,[45] implying that a faster 

OECT has a thinner, narrower channel and a smaller separation between the source and drain contacts. 

While decreasing the L of the channel leads to higher gm and 𝜏, increasing W and d have opposite effects 

on gm and 𝜏. Overall, channel L should be designed to be as small as possible, while the d and W should 

be tuned based on the intended application. For applications where the signal has a low amplitude and 

low frequency, a thicker and wider channel is recommended. For applications where the signal has a 

high enough amplitude and a high frequency, the device should have a narrow and thin channel. Using 

an interdigitated electrode (IDE) design, W can be increased while keeping L the same. Thus, the gm of 

the OECT is increased without changing the thickness or channel length. However, the size of the OECT 

still needs to be limited to retain spatial resolution.  
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Equation 1 shows that gm also depends on the product of the electronic mobility and volumetric charge 

storage capacity (μC*) of the OECT material. The volumetric capacitance (C*) is related to the number 

of sites consisting of ion/electron pairs. A high C* can be achieved if the ion-accessible sites in the film 

are dense, for instance, by removing excess PSS in PEDOT:PSS or using dopants smaller than PSS. [50] 

Inal et al. benchmarked and compared the steady-state OECT performance of ten materials using the 

framework of the μC* product.[51] Figure 4A plots the µC* map for various materials, with the color 

coding and marker shapes referring to the different materials and the black dashed lines indicating µC* 

product levels. The µC* product values for the two commonly used materials mentioned in this paper, 

PEDOT:PSS and p(g2T-TT), are labeled ① and ④ in the figure. Both materials show excellent 

electronic transport properties, and p(g2T-TT) exhibits the highest µC* product value of all materials 

tested. Overall, methods that can improve either of the two parameters (for instance, including 

conductivity enhancers in the polymer solution which will improve µ) can further boost gm.[52] Finally, 

gm can be controlled through 𝑉𝑇, a parameter that is governed by the energetics of the semiconductor 

as well as the gate electrode choice. While it is challenging to fine-tune the energetics through synthetic 

design, nonpolarizable gate electrodes, such as Ag/AgCl, typically lower the VT.[53, 54] Here, it is 

important not to apply high VG or use Ag/AgCl for extended periods at the cellular interface, as it may 

generate byproducts harmful to the cells.[55] 
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Figure 4. (A) The µ-C* map of ten reported materials used in OECTs, with dotted lines denoting 

constant µC* product and different colors and marker shape coding each material. Reproduced with 

permission.[51] Copyright 2017, The Author(s). (B) Schematic illustration of the IGT cross-section and 

wiring of the device (top). D-sorbitol is a reservoir for mobile ions (green) that can travel within the 

channel; PEDOT-rich regions are shown in light blue and PSS-rich lamellas in white (bottom). 

Reproduced with permission.[56] Copyright 2019, The Authors, published by AAAS. (C) The schematic 

of the electrical equivalent circuit of a cell on a planar electrode. Reproduced with permission.[57] 

Copyright 2013, Nature Publishing Group. 

 

The transfer of ions from the electrolyte to the channel is one of the steps that limit the switching 

ON/OFF speed. A relatively new architecture that was developed to overcome the response time 

limitation while ensuring high transconductance involves encapsulated ions in the channel. This type 

of OECT is named the internal ion-gated organic electrochemical transistor (IGT) (Figure 4B).[56] In 

the conventional OECT architecture, mobile ions are in the electrolyte in contact with the channel. In 

an IGT, mobile ions are embedded in the channel; thus, the channel acts as an ion reservoir, and the 

device no longer needs to exchange ions with the electrolyte. As a result, the response time of the IGT 

is reduced to 31.7 μs, much faster than the typical OECT response time of hundreds of microseconds, 

while still maintaining a gm as high as 0.8 mS. IGTs can also operate in accumulation mode if 

PEDOT:PSS is mixed with a de-dopant such as polyethylenimine (PEI).[58] An accumulation-mode IGT 

(e-IGT) achieved a current rise time of 2.9 µs, and a gm around 1.5 mS, with the dimensions of L = 5 μm, 

W = 5 μm, and d = 100 nm. Compared to OECTs and the depletion-mode IGT, the transient response of 

e-IGT falls in the range of the hole mobility (0.1 - 10 cm2 V-1 s-1)[59] of the conducting polymer rather 

than the ion mobility (10-2 - 10-4 cm2 V-1 s-1).[60] Thus, the e-IGT architecture takes advantage of the 

higher hole mobility to increase the operating speed and is thus fast enough to pick up most 

electrophysiological signals.  
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Noise is a significant consideration when recording electrophysiological signals. The SNR determines 

the amount of information that can be extracted from a recorded signal. For an electrode contacting the 

electrogenic cells, the coupling between the device and the skin or cells is direct and can be modeled, 

as shown in Figure 4C.[57] The electrode introduces an impedance represented by the parallel 

connecting components, namely, the electrode resistance (Re) and capacitance (Ce), which are the main 

sources of noise. The back end of the electrode is usually connected to an amplifier in the circuit, which 

amplifies the received potential fluctuations and provides the output signal. In the OECT, the source 

signal amplification happens at the channel interface, before the cleft between the cell and the OECT, 

which increases the SNR.[57] However, there are other sources of noise in OECTs that have a significant 

effect on SNR. For sensor devices, the main contribution of noise comes from flicker noise (also termed 

as 1/f noise), which is dominant when collecting low-frequency information.[61] The 1/f noise is a key 

parameter that limits sensor performance, as the binding kinetics of many species of interest (e.g., 

proteins) often require time scales of up to several minutes.[62] The 1/f noise also affects the 

electrophysiology applications.[61] The typical noise level for OECTs is about 2-20 μV at frequencies 

between 10-2 Hz and 100 kHz,[63] whereas the electrophysiological signals range from 10 μV to 10 mV. 

The noise of OECTs can be reduced by optimizing the channel thickness.[64] Consistent with the 

prediction of the charge noise model,[65] the normalized noise decreases as the channel thickness 

increases from 140 nm to 315 nm, leading to a higher SNR. While the SNR of the device can be 

optimized by increasing the channel thickness, this approach is not without limitations. The OECT 

should be designed with the maximum possible channel thickness, considering that thicker films will 

also have a lower fc. Finally, the contact overlap area between the organic semiconductor film and the 

source and drain electrodes was shown as an important parameter for OECT performance optimization. 
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Polyravas et al. showed that increasing the proportion of the contact overlap to the total area of the 

semiconductor film decreases the fc of PEDOT:PSS OECTs, though the gm and the noise do not 

change.[66] 

 

4. OECTs for Recording Electrophysiological Signals 

In this section, we will review the OECTs developed for recording electrophysiological signals. We 

categorize the devices based on where they are used, namely, in vitro cell cultures, through the skin 

(cutaneous), and inside the body (implantable). Table 1, placed at the end of this section, summarizes 

the key characteristics and performance metrics of the OECTs, such as operation mode, SNR, and 

response time, for each application. 

4.1 Recordings from in vitro cell culture 

In vitro techniques are used to study biological systems,[67] as they are typically easy to develop and 

multiplex and require small amounts of biological samples. Extracellular activities in the form of AP 

spikes and LFPs are commonly recorded with MEAs containing multiple microscale electrodes on a 

small 2D surface. With an array, we can obtain spatial data in addition to temporal, which allows 

studying the response of individual cells and the interactions between the cells in the form of 

propagating electronic signals. Because neurons fire at high frequencies, OECTs have been mostly used 

for investigating cardiac cells with low frequency activity that OECTs can catch. They are also easier 

to culture compared to brain neurons. In particular, the cardiomyocyte-like Murine atrial HL-1 cell line 

has been a reliable model to study drug-metabolizing enzymes in the heart.[68] Analyzing the frequency 

and shape of their signals in response to drugs gives an idea of what a drug does to the system and 

allows eliminating unsuccessful drug candidates. As this type of cell is slow in signal response, the 
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OECT can be optimized to have a high gm instead of a high speed, which allows it to have high SNR to 

detect smaller signals.  

Gu et al. created a 4 x 4 OECT array to study the 2D transmission pattern of physiological signals 

between HL-1 cells.[69] The PEDOT:PSS channels had a W = 30 μm and L = 6 μm, which resulted in a 

gm of 2 mS at VG = 0 V and VD = -0.4 V (Figure 5A(i)). Figure 5A(ii) shows the recordings of ten 

simultaneous AP spikes generated by the 16-channel OECT array (left panel, duration 4.2 s) and the 

detailed profiles of sixteen single AP spikes (right panel, duration 0.04 s). A time difference of several 

milliseconds in the occurrence of the spikes in the 16 channels can be observed, indicating that spikes 

propagate between channels on the array. The amplitude of the signals corresponds to the effective gate 

voltage, which was obtained by converting the drain current through the transconductance curve. The 

amplitude of the spikes (peak-to-peak) is 1 mV, and the average noise has an amplitude of 120 μV, 

which gives an SNR range between 10 and 20 dB. By calculating the inverse of the time interval 

between two adjacent spikes in the curve, the beat frequency of the cell can be determined as 2.4 Hz. 

When isoproterenol (ISO), a chronotropic agent that binds the β-adrenoreceptor, was introduced to the 

cell media, the signals recorded by the OECT showed an increase in the beating frequency. The OECTs 

also captured a change in the propagation direction, i.e., an expected cellular response to ISO.[70] These 

OECTs were able to resolve signals as fast as 0.4 ms, suggesting that they are suitable to record 

extracellular activity while maintaining a high gm. In addition, the work estimated the propagation 

velocity of AP spikes in the experiment of cultured cells, a value consistent with the results of other 

studies.  
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Figure 5. (A) (i) Optical image of an OECT array containing sixteen channels. (ii) AP spikes recorded 

simultaneously from sixteen OECT channels. Left: An example of recorded signals containing ten 

continuous spikes in 4.2 s. Right: Profiles of sixteen single action potential spikes within 0.04 s. 

Reproduced with permission.[69] Copyright 2016, WILEY-VCH. (B) (i) Bright-field image of a 

suspended microtissue (inset) which was cultured on an OECT array for 1 day (left) and 6 days (right). 

(ii) AP spikes of the microtissue recorded by the 16-channel OECT array. (iii) A small positive peak 

appeared 200 ms after the depolarization of the microtissue (left). This peak was not observed in the 

monolayer cardiomyocyte culture (right). (iv) The field potential duration of microtissues on OECT 

decreased upon the application of verapamil (VP). Reproduced with permission.[71] Copyright 2018, 

WILEY-VCH. (C) Photograph of an OECT array used for cell culture; the coin is shown for scale (i), 

phase contrast microscopy image of confluent HL-1 cell layer grown on the array (ii), representative 

traces of spikes recorded by eight OECTs in the same chip (iii), and the shapes of single spikes extracted 

from the signals in iii (iv). Current traces were converted to voltage traces. Reproduced with 

permission.[72] Copyright 2014, WILEY-VCH. 
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Beyond studying cells in 2D, Gu et al.[71] showed that a similar planar array of OECTs could also be 

used to explore 3D cultures. The authors used a higher density array with 64 OECTs with W = 20 μm 

and L = 10 μm, exhibiting an average gm of 1.8 mS and SNR of ca. 15.6 dB at VG = 0 V and VD = -0.4 

V. They transferred primary cardiomyocyte spheroid “ microtissues” made by the hanging-drop 

technique to the center of the OECT array. The microtissue has a 3D tissue structure and, therefore, 

better mimics the actual biological environment of the human body. Figure 5B(i) presents images of 

the suspended microtissues on OECT arrays cultured for 1 day (left panel) and 6 days (right panel). The 

spheroids gradually become flattened as the microtissues begin to adhere to the surface of the array. 

The authors hypothesized that the OECT could detect the low-amplitude spikes from cells in the 3D 

culture that do not directly contact the substrate due to its high SNR. The patterns of spikes vary based 

on how far the OECT channel is from the center of the spheroid. Figure 5B(ii) shows the spikes 

observed by the OECT array, classified into three types. The six of the total sixteen OECTs in the inner 

region of the array show negative spikes below the baseline (type I); while most of the OECTs in the 

outer region covered by cells show a profile of positive spikes above the baseline (type II); and another 

OECT at the boundary of two regions picks up the features of positive and negative spikes (type III). 

In addition, Figure 5B(iii) shows a small peak of depolarization that was observed 200 ms after the 

main peak of the type I AP spike (left panel), a feature not typically detected in monolayer 

cardiomyocytes (right panel). The time interval between the primary peak of the type I AP spike and 

the secondary peak of depolarization is the field potential duration (FPD). FPD is the time interval 

indicated by the dashed line in Figure 5B(iv), and this parameter can be used to analyze the effect of 

drugs on the AP spikes produced by cardiomyocytes. Figure 5B(iv) shows the effect of verapamil (VP) 
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on FPD in microtissues. VP is a calcium channel blocker that inhibits the passage of calcium ions 

through the cell surface membrane which shortens the FPD.[73, 74] A significant decrease in FPD was 

observed in the experimental group (blue line) in the presence of 1 μM VP compared to the control 

group (red line). Overall, this study shows that as the signals coming from the microtissue not touching 

the substrate have low amplitude, it is essential to measure them with high sensitivity devices. OECTs 

here are the natural choice over electrodes due to their high SNR. 

Besides high SNR, OECTs also offer mechanical flexibility as they use conjugated polymers in the 

channel compatible with various substrates. Yao et al. demonstrated a PEDOT:PSS based OECT array 

fabricated on a flexible PDMS substrate.[72] The PDMS replaced the traditional glass ring as the cell 

culture chamber to make the whole device flexible. Figure 5C(i) shows HL-1 cells were seeded into 

glass culture dishes and adhered to the surface of the OECT array. After 3-4 days of culture, HL-1 cells 

formed a dense, confluent monolayer covering the surface of the OECTs, as shown in Figure 5C(ii). 

At this time, some of the cells started to contract, and the regular AP spikes recorded using the 8-channel 

OECTs on the same array are shown in Figure 5C(iii). Here, again, the recorded current signals were 

converted to equivalent gate voltage changes to eliminate the transduction differences between OECTs. 

The noise level of the AP spikes in the figure is in the range of 100-200 μV, which, compared to the 

amplitude of the AP spikes, is sufficiently low to routinely achieve a SNR larger than 12 dB. Likewise, 

the presence of different shapes and amplitudes between different OECTs shows the heterogeneity of 

the signals acquired by the various OECTs in the array Figure 5C(iv). Importantly, this work showed 

that the cells grow normally on the flexible substrate and that the properties of the OECT do not change 

at different bending positions, a feature of the device endowed by the flexibility of the conducting 

polymer. While most in vitro systems are based on glass or hard plastic, flexible systems are desirable. 
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Cells can exhibit different morphologies depending on the mechanical properties of the substrate.[75, 76] 

Having flexible substrates is also essential when replicating more complex systems, such as organ-on-

chips for non-static organs such as the lung where the cells expand while breathing,[77] or the kidney 

where the cells stretch with the cyclic renal blood flow.[78] 

To improve the OECT performance, Hempel et al. utilized the IDE design to increase the gm with 

minimal effect on the response time. [79] The device had a W of 5 μm and a large L. At a thickness of 

200 nm, the OECTs showed a maximum gm of 12 mS at VD = -0.2 V and VG = 0.4 V, much higher than 

the OECTs of similar footprint. This allowed the researchers to measure the activity of HL-1 cells with 

a significant SNR up to 18 dB. Though the noise in the system was high, ca. 100-200 μV, the signal 

was amplified enough to have a sufficiently high SNR. Norepinephrine (NE), an agonist that binds to 

G-protein-coupled receptors and leads to increased beating frequency, was introduced to the cells. The 

device detected an increase in the beating frequency when NE was added. However, the beating 

frequency dramatically decreased later at higher concentrations of NE due to its toxic effect at these 

concentrations. The OECT monitored these transient frequency changes. The authors overall show that 

the SNR of an OECT can be increased without changing the footprint by adopting the IDE design, and 

the device could dynamically monitor changes in electrophysiological activity with high resolution.  

Liang et al. investigated the effect of the IDE design on OECT performance.[80] Figure 6A(i) shows the 

source and drain electrodes of an OECT connected to an IDE array; this structure is referred to as 

iOECTs. The dimensions of the iOECT can be adjusted by changing the number of electrode fingers 

(Nf), width (Wf), length (Lf), and channel length (L) (Figure 6A (ii)). The authors tested different W/L 

ratios to obtain an OECT with suitable gm and speed to record the cardiac activity of HL-1 cells. Figure 

6A (iii-iv) presents the iOECT characteristics for a device configuration with the parameters Nf = 5, Wf 
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= L = 5 µm, and film thickness d = 115 nm. They were able to obtain devices with a response time of 

138 µs and gm of 6.5 mS. They recorded the AP spikes of seven iOECTs on the same device, with the 

spike traces revealing synchronous beating rate at a frequency of 1.4 Hz (Figure 6B (i)). Figure 6B (ii) 

shows the corresponding individual AP spikes after the amplification of the signals in time scale. With 

the spike amplitudes between 700-1800 μV and noise levels in the range of 50-100 μV, the highest SNR 

of the signal achieves 25 dB. Figure 6B (ii) also shows the AP spike propagation delay from channel 

to channel for the different iOECTs. To further evaluate the propagation patterns, the researchers 

simultaneously recorded AP spikes from HL-1 cells using fourteen identical iOECT devices in planar 

space and plotted an isochronal map of time delays (Figure 6B (iii)). This real-time plot contains the 

transmission delay of the iOECT devices in an area of 1200 × 1200 μm. The red area indicates a longer 

transmission latency, while the blue area indicates a shorter surface delay. NE was perfused into the 

HL-1 cell cultures to verify the origin of the measured spikes, and the results were similar to previous 

studies. NE at a concentration of 0.6 × 10-3 M increased the calcium current in the membrane potential 

changes, resulting in an increase of the spike beating frequency from 0.3 to 0.8 Hz (Figure 6B (iv)). 

The IDE design suggests that the steady-state performance of the OECT can be enhanced without 

increasing the size of the OECT and, hence, compromising its speed. 
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Figure 6. (A) (i) Schematic of an iOECT. (ii) Micrograph of an iOECT with an IDE array. The iOECT 

had a footprint of 50 × 20 μm. (iii) Output characteristics of iOECTs with VG = -0.5 V to 1.0 V in steps 

of 0.1 V. (iv) Transfer characteristics (black curve) and the corresponding gm (blue curve) as a function 

of VG at VD = -0.5 V. Reproduced with permission.[80] Copyright 2019, WILEY‐VCH. (B) (i) AP spikes 

of HL-1 cells recorded simultaneously using seven iOECTs on the same chip. (ii) Shapes of individual 

AP spikes displayed in (i). (iii) Contour map of activation time based on the AP spike propagation 

shown in (ii). (iv) Representative traces of spikes before (highlighted in orange) and after administration 

of norepinephrine (highlighted in green). Red dots indicate the corresponding frequency of the AP 

spikes. Reproduced with permission.[80] Copyright 2019, WILEY-VCH. 



 27 

4.2 Recording Through the Skin  

Measuring physiological signals through the skin is a non-invasive method commonly used in the clinic 

due to the adequate signal accuracy, the easy-to-build set-up, and no trauma to the body. Epidermal 

biosensors can also be integrated with wearables, which can provide home healthcare, long-range 

monitoring, and telemedicine.[81] For standard gel Ag/AgCl electrodes, despite providing a high SNR, 

they present certain drawbacks. First, the electrode design involves the trade-off between its size and 

conductivity: larger electrodes achieve better conductivity but reduce the spatial resolution of the 

recordings. Second, wearing the epidermal electrodes on the skin for a long time can irritate the skin of 

some patients.[82] Third, as the gel gradually dries out, the electrodes cannot maintain stable contact 

with the skin, which reduces the quality of the recorded signal.[83] These electrodes are therefore not 

compatible with chronic use. Finally, the skin containing the hair and the keratin layer can reduce the 

skin-electrode coupling, requiring a particular preparation protocol before each measurement to 

increase signal quality. Compared to these electrodes, OECTs and IGTs can allow for higher SNR and 

spatial resolution for epidermal recordings without a compromise in wearer’s comfort, as we will detail 

below.  

Campana et al. demonstrated a conformal and transparent OECT fabricated on a biodegradable scaffold 

made of poly(L‐lactide‐co‐glycolide) (PLGA).[84] This transistor acquired ECG signals through direct 

contact with human skin. With the optimized PEDOT:PSS channel geometry (L = 30 μm, W = 1000 

μm, d = 200 nm), the OECT was able to pick up signals with an amplitude of ~10 µV on a time scale 

of milliseconds. Cross-thoracic recording was achieved by placing the gate electrode of OECT on the 

chest, and its channel on the forearm, as shown in Figure 7A(i), in which the cardiac potential changes 

correspond to changes in VG. The resulting drain current waveform is indicated by the red line in Figure 
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7A(ii), and had an amplitude of around 100 nA. Meanwhile, the amplitude of ECG recordings measured 

with the conventional Ag/AgCl lead was about 500 μV (black line). The OECT-based ECG recorded a 

similar signal to Ag/AgCl electrode, with a comparable SNR, meeting the requirements of a medically 

relevant bioelectronic recording device with the added benefit of a substrate that can degrade if 

implanted in the body.  

 

Figure 7. (A) the wiring diagram of OECTs operated in direct contact with the skin to acquire ECG 

recordings (i), and the drain current waveform obtained during ECG recording (red, VG = 0.5 V, VD = -

0.3 V) and the ECG waveform recorded from the same position with standard Ag/AgCl leads (black) 

(ii). Reproduced with permission.[84] Copyright 2014, WILEY-VCH. (B) An ECG voltage amplifier 

application based on an OECT, including (i) the schematic of the ECG recording setup, where the 
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medical electrodes (blue) collect the lead I standard ECG, and (ii) ECG recordings for diverse drain 

load in both linear and saturation regimes. Reproduced with permission.[85] Copyright 2016, The 

Authors, Published by WILEY-VCH. (C) Electrophysiological signals with their signal amplitudes: 

spontaneous heart activity (ECG), eye movement (EOG), and brain activity (EEG) with its 

corresponding time-frequency spectrogram measured on a volunteer. Reproduced with permission.[86] 

Copyright 2014, WILEY-VCH. (D) Subthreshold OECT-based EEG amplifier with (i) the circuit 

wiring diagram of the OECT, (ii) the electrode placement on the scalp of the human subject indicated 

by the corresponding colors in (i), and (iii) EEG voltage output signal showing an alpha rhythm 

response (top), and the corresponding time-frequency plot (bottom) showing the changes in the signal 

content depending on the eyes being closed and opened. Reproduced with permission.[87] Copyright 

2018, The Authors, WILEY‐VCH. (E) EEG signals acquired by IGTs with (i) an optical micrograph of 

an IGT conforming to the human scalp, fitting the interfollicular epidermis (scale bar, 2 mm), (ii) the 

wiring diagram of EEG recording using IGTs (the left frontopolar (FP1) and occipital (O1) regions 

were used for device placement), and (iii) the sample time trace of the signal recorded with the IGT 

demonstrating alpha (blue), beta (yellow), and low gamma (green) oscillations (top), together with the 

time-frequency spectrogram of an IGT recording (scale bar, 500 ms, 100 V) The device was operated 

with a VD = -0.6 V and VG = 0.4 V. Reproduced with permission.[56] Copyright 2019, The Authors, 

published by AAAS. 

 

Although the OECTs acquire ECG signals from the surface of the body, the output is still a current 

signal. This sets a limitation because the analog-to-digital converter, which is the post stage of the 

sensor in an electrophysiology platform, usually requires a voltage input to implement the conversion 

from analog to digital signals. Thus, an external current-to-voltage conversion module in the electronic 

circuit is required to use the OECT, which increases the complexity of the integrated platforms. 

Braendlein et al. converted the current output of an OECT into a voltage signal by connecting a load 

resistor in series between the drain electrode and the supply voltage; thus, demonstrating the operation 

of a voltage-amplifier circuit based on microfabricated OECTs with high transconductance.[85] The 

device output voltage is linearly related to the drain current, which transduces the signal coupled to the 

gate of the OECT. To verify the feasibility of this design, a PEDOT:PSS-based OECT was used to 

acquire ECG signals from the skin (with channel dimensions of W/L = 2, d = 70 nm), though the 

transistor was only used as an external amplifier rather than a direct sensor. As shown in Figure 7B(i), 
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traditional medical electrodes were used to connect the OECT and the volunteer, with the gate and 

source electrodes attached to the left and right positions of the heart below the clavicle, respectively. 

The authors compared the operation of the OECT in the linear regime and saturation regime. Figure 

7B(ii) shows the ECGs of both configurations with different load resistor values, demonstrating that 

the linear regime does not provide substantial amplification of the input signal but can result in stable 

operation of the device within the experimental conditions. Meanwhile, the saturation regime can 

provide higher amplification of the output signal (30 V/V as the maximum), making it a more suitable 

choice for ECG applications. Additionally, the voltage output of this OECT allows easier integration 

with existing monitoring systems. 

OECTs can integrate the acquisition and amplification of multiple electrophysiological signals into a 

single device, promising to build multifunctional wearable systems. Leleux et al. explored the ability 

of OECTs to record electrophysiological signals of clinical relevance.[86] They used PEDOT:PSS as the 

channel material and biased the gate electrode with zero voltage, which led to a transconductance of 1 

mS. Since no external bias voltage (0 V) was applied to the gate, this device required only one power 

supply to bias the drain, and the input potential difference by the gate was driven solely by the 

cutaneous electrical potentials. The OECT successfully recorded ECG, eye movement (EOG), and EEG 

of volunteers (Figure 7C).  

Gels aid in interfacing the electronic devices with the skin in general and in gating of the OECT channel. 

Lee et al. designed an innovative ultra-thin OECT that employs a non-volatile ionic gel as the integrated 

electrolyte for the device.[88] The total thickness of the PEDOT:PSS-OECT sensor, including the 

flexible substrate, was 2.5 µm, with the gel electrolyte layer of about 6 µm. The device acquired ECG 

signals with a high SNR (24 dB), and even on dry skin. The sensor showed excellent stability under 
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long-term, continuous, and repeated ECG monitoring scenarios for up to a week. This result is superior 

to the ECG acquired using Ag/AgCl electrodes which showed an average SNR of 19.9 dB and a 

significant signal baseline drift after 2 hours of use. This study also confirmed that the OECTs are less 

affected by capacitive noise introduced by the wires than electrodes.  

Another signal that can be measured from the skin is the EEG. EEG signals are traditionally measured 

using surface electrode arrays; however, due to the long distance from the scalp to the source of EEG, 

the acquisition result is not satisfactory. An amplifier is required to enhance the output signal amplitude 

and its SNR. OECTs address these issues well and can improve the signal resolution for EEG. 

Venkatraman et al. reported an OECT voltage amplifier for EEG recordings.[87] The device uses p(g2T-

TT) as the channel material and operates in the accumulation mode. By setting the device in the 

subthreshold region, the authors achieved a five-fold improvement in voltage gain (with the same DC 

bias conditions) and a 370-fold reduction in power consumption (with the same voltage gain) compared 

to the performance in the superthreshold regime. These results suggest that accumulation mode OECTs 

provide not only high signal gain but also demand less power. Figure 7D(i) shows the circuit wiring 

diagram of this OECT amplifier, where an output coupling capacitor is used to eliminate the DC 

components from the signal, increasing the sensitivity for transducing the low amplitude EEG signals 

(10-100 µV). The amplifier achieved a voltage gain of 30, with a load resistor of 30 kΩ connected 

between the drain and the voltage supply. The positions on the scalp, connected externally to the OECT 

and the ground using adhesive medical electrodes, as shown by the colored markers in Figure 7D(ii). 

The EEG signal acquired from the OECT and its corresponding time-frequency plot is shown in Figure 

7D(iii). The appearance and subside of alpha rhythms activity (around 10 Hz), indicative of wakeful 

relaxation, in the time-frequency plot were consistent with the subject’s behavior from the closed-eye 
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phase to the open-eye phase. In conclusion, this study presented a detailed analysis of an OECT voltage 

amplifier with p(g2T-TT) as the channel material and operating in its subthreshold region. The 

advantage of the subthreshold region for electrophysiological applications, allowing both high gain and 

low power consumption, was demonstrated by using the device for EEG recordings. However, the 

response time of the transistor in this research is still of further concern. Moreover, the device acts only 

as an amplifier, not as a sensor of EEG signals. 

The innovative structure of IGTs,[56] introduced in the previous section, was shown to be beneficial for 

EEG acquisition. Firstly, the high gm of the IGT permitted the device size to be decreased by five orders 

of magnitude compared to traditional wet Ag/AgCl electrodes. Figure 7E(i) shows a 1.5-mm wide 

ribbon combining two 50 μm × 100 μm IGT channels, ensuring the entire device fits in the gap between 

hair follicles. The μ-EEG IGT was shown to adhere directly to the scalp without the need for ionic gels 

due to its lightweight, with minimal force required to maintain contact. The wiring diagram of EEG 

recording shows a μ-EEG IGT connecting the left frontopolar (FP1) and occipital (O1) regions (Figure 

7E(ii)). The μ-EEG IGT acquired a clear neurophysiological signal from O1, with the sample time trace 

and time-frequency spectrogram shown in Figure 7E(iii). The top plot demonstrates the alpha (blue), 

beta (yellow), and low gamma (green) oscillations, while the bottom plot shows a clear artifact due to 

blinking, as well as the appearance of 10 Hz-level activity over the region associated with eye closure. 

IGT exhibits high transconductance, a fast response time, and excellent biocompatibility that contribute 

to the quality of the EEG data output and should be suitable for various electrophysiology applications 

that require fast devices with small footprints.  
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4.3 Implantable Applications 

Besides excellent transduction capabilities, implantable devices should be soft, conformable, and 

biocompatible. While noble metals can be made thin enough to conform with the tissue, they confer a 

conductivity trade-off. Moreover, electrode configurations are susceptible to noise due to imperfect 

coupling to the biological interface.[57] Additionally, implanted electrodes need to connect to outside 

circuits using thin wires with relatively high resistance, which represents another source of noise. Thus, 

having active elements on the recording site significantly increases the SNR. Khodagholy et al. used 

PEDOT:PSS electrodes alongside OECTs fabricated on 2-μm thick parylene-C (PaC) substrates as two 

kinds of ECoG probes.[89] The devices were placed on the somatosensory cortex of an anesthetized 

epileptic Wistar rat (Figure 8A(i)). The OECT was wired in a common source configuration (Figure 

8A(ii)), with a grounded screw used as the gate electrode. The OECTs had a gm of 900 μS at VG = 0.4 

V and VD = -0.4 V. Figure 8A(iii) shows representative recordings taken by three probes, including 

OECT (pink), PEDOT:PSS surface electrode (blue), and 12-channel Ir penetration electrode (black). 

The OECTs measured epileptic activities with a higher SNR of 44 dB, while surface electrodes had a 

SNR of 24.2 dB. As the OECTs have a higher SNR, they are more likely to pick up the weaker signals 

that are generated in deeper regions of the brain. Traditionally, such signals are observed by inserting 

Ir electrodes into the brain close to the area of interest, which cannot be achieved with surface 

electrodes. The authors compared the surface OECTs with penetrating Ir electrodes inserted deeper into 

the brain. The Ir electrodes and OECTs picked up similar signals that the surface electrodes could not 

detect. The OECT detected these signals with a higher SNR of 22.3 dB compared to a SNR of 18.2 dB 

for the penetrating Ir electrodes. This study demonstrated that the high gain of the OECT combined 
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with their biocompatibility, flexibility and conformability makes them ideal for such implantable 

applications. 

EMG recordings can also be acquired with OECTs. Lee et al. integrated OECTs with organic field-

effect transistors (OFETs) as a 5 × 5 array on an ultra-flexible PaC substrate for EMG recordings.[90] A 

schematic diagram of a single-cell, composed of one OECT and one OFET. The circuit is shown in 

Figure 8B(i). The OFET here acted as a local switch to allow for selective spatial and temporal 

recordings of EMG signals. Each electrode cell had a cut-off frequency of around 3 kHz, meeting the 

response time requirement of surface EMG. The array was tested by placing the electrode on the surface 

of the gracilis muscle of an optogenetic rat, whose motor nerve terminal was stimulated by a blue laser 

beam (Figure 8B (ii)). The device detected an EMG signal with a spike amplitude of 1 μA and a noise 

level of 50 nA (Figure 8B (iii)).  

 



 35 

 

Figure 8. (A) (i) the optical micrograph of the PEDO:PSS based OECT and electrode based ECoG 

probes placed over the somatosensory cortex of a rat and the craniotomy surrounded by dashed lines 

(Scale bar, 1 mm). The OECTs had a W = 15 μm, L = 6 μm, d = 200 nm, and electrodes were 12 × 12 

μm2, (ii) the schematic layout of the transistor where the blue box indicates the brain, and (iii) the 

recording of an epileptiform spike from a transistor (pink), a surface electrode (blue) and 12 channels 

of Ir-penetrating electrodes (black). Reproduced with permission. Copyright 2013, Nature Publishing 

Group. (B) An OECT and OFET integrated MEA with (i) a schematic diagram of the single-cell circuit, 

(ii) photograph of the device on a neuron-dense area of muscle tissue in an optogenetic rat exposed 

continuous laser stimulation (scale bar, 3 mm), and (iii) a compound muscle action potential evoked by 

a laser flash. Reproduced with permission.[90] Copyright 2016, WILEY-VCH. (C) The transparent 

electrophysiology OECTs array with (i) the image of the array on a PaC substrate, and (ii) the magnified 
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image of an OECT single cell, in which the source and drain were made from an Au mesh. Reproduced 

with permission.[91]  (D) A 4 × 4 OECT based sensor array with (i) the image of the heart of a rat and 

sensing areas bearing the OECT sensor, and (ii) the ECG signals from the multiplexed sensor array. 

Reproduced with permission.[92] Copyright 2018, The Authors, some rights reserved. 

 

The transparency of OECT channel materials enables their use with optogenetics. In optogenetic 

studies, a laser guided by a fiber optic cable selectively stimulates cells or tissues expressing light-

sensitive genes. However, the area being recorded cannot be stimulated because the electrodes cover 

the tissue. The transparency at the recoding site can be achieved by either using thin metals (< 10 nm) 

or transparent conductors such as ITO.[93, 94] Thin metals, however, break easily and have high 

resistance, whereas ITO is mechanically unstable.[95] Lee et al. made an array of 3 × 5 OECTs bearing 

transparent PEDOT:PSS on 3-μm thick PaC substrate (Figure 8C(i)).[91] The OECTs had a W = 90 

μm, L = 60 μm and gm of 2.2 mS at VD = -0.7 V and VG = 0 V. The authors increased the transparency 

of the array by using a gold mess, instead of solid gold, for the metal contacts (Figure 8C(ii)). While 

the thin gold lines increased the impedance, the difference in the OECT’s gm or response time was not 

significant. The exciting feature of using an OECT for optogenetics is the transparency of the recording 

region, which is not the case with passive metal electrodes. They placed the OECTs in ECoG 

configuration in optogenetic rats that express a light-sensitive gene. When the authors stimulated rats 

with a blue laser beam, they observed an evoked response from the brain. By using a transparent active 

element to record the evoked potentials, the OECTs recorded signals with an SNR of 13 dB. 

The flexibility and softness of implantable devices are important when they are integrated with moving 

organs such as the heart. The heart expands and contracts, which can quickly degrade electronics that 

do not move along with it. The stiff electronics can also cause clotting around the heart where they are 

implanted. While implantable devices can be made stretchable, these are either passive electrodes[96] or 

are FETs with much lower gm.[97, 98] Lee et al. developed OECTs on a 2.6-μm thick PaC substrate that 
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is flexible and stretchable.[92] The OECTs had a W = 10 μm, L = 10 μm with gm = 1 mS at VD = -0.6 V 

and VG = -0.1 V. The characteristics of the OECT did not change even when stretched by 15% of its 

initial size. The drain current only decreased by 7% after 1000 cyclic stretching cycles. However, 

stretchable materials are not enough to prevent clotting, so the authors coated the OECTs with poly(3-

methoxypropyl acrylate) (PMC3A), a polymer film that prevents the formation of clots by repelling 

platelets. The ability of PMC3A to limit protein adsorption was shown in a previous study by Kobayashi 

et al.[99] As an ionically conductive material, PMC3A did not lower the OECT performance (change in 

gm is < 2%). OECTs with the coating were stable over time and showed minimal degradation and 

clotting behavior. The authors made a 4 × 4 OECT array and placed it on the surface of the heart, 

covering the right and left ventricular regions (Figure 8D(i)). The array recorded ECG profile and 

mapped signal propagation with no clotting observed, contrary to other implantable ECG devices 

(Figure 8D(ii)). The devices could resolve the signals of the heart, which was around 400 beats/min. 

The ECG waveforms at C1, C2, D1, and D2 were recorded as strong right ventricular potentials, and 

the ECG waveforms at C3 and D3 showed left ventricular potentials. These signals are not particularly 

fast, so devices with a high gm were preferred over fast devices.  
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Figure 9. (A) E-IGT structure and its electrophysiological signal acquisition, with (i) the optical 

micrograph displaying the top view of an individual e-IGT (top right, scale bar, 5 μm), and the ultra-

flexible, ultra-thin e-IGT array conforming to the surface of a human hand (bottom left), (ii) the sample 

traces of in vivo signals acquired by e-IGTs plotted to reflect the wide span of frequency and amplitude 

characteristics (representative data from n = 4 rats). Reproduced with permission.[58] Copyright 2020, 

The Authors, under exclusive license to Springer Nature Limited. (B) The analysis of 

electrophysiological signals from e-IGT, including (i) the time-frequency spectrogram of an e-IGT-

based chronic LFP recording from a cortical surface with behavioral states marked (inset shows a 

photograph of e-IGT-based device placement on rat cortex; scale bar, 500 μm), (ii) the comodulogram 

showing cross-frequency coupling of cortical LFP at the spindle, low-gamma and high-gamma 

frequency bands, (iii) the wiring diagram of AP spike recording using an e-IGT-based implantable 

device. The drain current was converted to voltage using a series resistor, then digitized using an 

amplifier, and (iv) the schematic of a non-linear signal rectification circuit composed of a d-IGT and an 

e-IGT, the rectification effects a 1 Hz sine wave input, and the rectification effects of the real-time 

detection of epileptic discharges. Reproduced with permission.[58] Copyright 2020, The Authors, under 

exclusive license to Springer Nature Limited. 

 

As discussed in the previous sections, even after optimization, OECTs are often too slow to record fast 

neuronal signals. The IGT design allows building of very fast OECTs with high gm. Enhancement-mode 

IGT (e-IGT) was built using a PEDOT:PSS mixed with PEI as the de-dopant in the channel embedding 

freely-moving ions.[58] The e-IGT with W = 5 μm, L = 5 μm, and d = 100 nm showed a response time 

of 2.9 µs. This response time is orders of magnitude faster than other accumulation-mode OECTs and 
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faster than any other OECT, and is comparable to accumulation-mode Si FETs. Additionally, they have 

a high SNR, as they are in the OFF state when no voltage is biased on the gate, i.e., when there are no 

signals to detect. Cea et al. showed that the e-IGT could conform well on the skin (Figure 9A(i)) and 

record ECG and EMG, as well as chronic intracranial EEG from the brain cortex and deeper structures 

in freely moving rats, resolving both AP spikes and LFPs (Figure 9A(ii)). These e-IGTs were made 

from biocompatible and commercially available materials that are flexible and stable in aqueous 

environments, which made their adaptation for in vivo applications much easier. They tested e-IGT by 

implanting them in rat brains. Two types of devices were used, one that was placed on the surface of 

the rat cortex, and one that was inserted deeper into the cortex with a needle. The cortical surface e-IGT 

electrodes were placed on free-moving rats for 2 weeks and were able to capture features of non-rapid 

eye movement (NREM) sleep, rapid eye movement (REM) sleep, and awake states where the brain 

activity has distinctive signal features (Figure 9B(i)). The devices captured various brain waves, usually 

only detected with high-speed devices, such as cortical sleep spindles (10 - 20 Hz), gamma oscillation 

(20 - 30 Hz), and high-speed gamma (> 40 Hz), and which are not easily resolved with traditional 

OECTs. The penetrating electrodes could detect and differentiate signals in the frequency range of 250-

2500 Hz (Figure 9B (ii-iii)). 

In epilepsy detection, the signals are fast and mixed with variable noise. Processing this data is required 

before a treatment can be delivered to prevent the seizures.[100] This is especially important when 

creating closed-loop systems, where the processing is not only needed, but it must be carried in real-

time.[101] Thus, logic circuits are needed to process these signals. Accumulation mode transistors 

allowed for easy fabrication of logic circuits. In this work, Cea et al. used a non-linear rectifier, a circuit 

that will suppress lower-amplitude noise. The integrated circuit rejected the noise well and easily 
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detected epileptic discharges (Figure 9B(iv)). Compared to other commonly used methods for data 

processing, such as bandpass filtering or amplitude thresholding, detection with the IGT integrated 

circuit had a much lower false positive rate. The high speed of e-IGTs combined with the simplification 

of integrated circuit fabrication gives a compelling advantage over all existing technologies for in vivo 

brain monitoring.  

Table 1 below summarizes the characteristics of all the OECTs we reviewed based on their application 

area. 

 

Table 1. A summary of the main characteristics of the OECTs developed for the detection of 

electrophysiological signals. 

 

Category Signal Channel 

material 

Operation 

mode 

SNR 

(dB) 

𝜏 Reference 

Cell culture AP 

spike 

PEDOT:PSS Depletion  up to 

18  

227 μs Hempel et 

al., 2017[79] 

Cell culture AP 

spike 

PEDOT:PSS Depletion  12-20  NA Gu et al., 

2016[69] 

Cell culture AP 

spike 

PEDOT:PSS Depletion  ca.  

15.6  

100-200 

μs 

Gu et al., 

2019[71] 

Cell culture AP 

spike 

PEDOT:PSS Depletion  > 12  NA Yao et al., 

2015[72] 

Cell culture AP 

spike 

PEDOT:PSS Depletion  up to 

25 

90-200 

μs 

Liang et al., 

2019[80] 

Cutaneous ECG PEDOT:PSS Depletion  NA 1.5 ms Campana et 

al., 2014[84] 

Cutaneous ECG PEDOT:PSS Depletion  NA NA Braendlein 

et al., 

2017[85] 

Cutaneous ECG PEDOT:PSS 

with gel 

electrolyte 

Depletion  24  NA Lee et al., 

2019[88] 

Cutaneous EEG p(g2T-TT)  Accumulation  NA ca. 500 

μs 

Venkatram

an et al., 

2018[87] 
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Cutaneous ECG, 

EOG, 

EEG 

PEDOT:PSS Depletion  NA 100-300 

ms 

Leleux et 

al., 2015[86] 

Cutaneous EEG PEDOT:PSS 

w/ d-sorbitol 

- IGT device 

Depletion  NA 31.7 μs Spyropoulo

s et al., 

2019[56] 

Implantable EMG PEDOT:PSS Depletion  ca. 43  ca. 100 

μs 

Lee et al., 

2016[90] 

Implantable  ECoG PEDOT:PSS Depletion  up to 

44  

NA Khodaghol

y et al., 

2013[89] 

Implantable  ECoG PEDOT:PSS Depletion  13  110 μs 

for the 

OECT, 

363 μs 

for the 

array 

Lee et al., 

2017[91] 

Implantable  ECG PEDOT:PSS Depletion  52  60 μs Lee et al., 

2018[92] 

Implantable  ECG, 

EMG, 

ECoG 

PEDOT:PSS 

w/ d-sorbitol 

and PEI - 

IGT device 

Accumulation  53.9 

(ECG) 

52.8 

(EMG) 

2.9 μs Cea et al., 

2020[58] 

 

 

5. Conclusion 

OECTs provide an unparalleled opportunity for decoding electrophysiological signals. Since they 

are active electrical components, they can amplify the signals locally, enhancing the SNR. A high SNR 

makes these devices particularly useful to pick up small-amplitude signals. Additionally, as OECTs use 

OMIECs, they have added features such as flexibility, softness, (semi)transparency, and compatibility 

with biological media. For in vitro applications, OECT arrays proved to be a strong alternative to 

existing MEAs and FETs. The underlying OECTs can dynamically monitor the cell activities (in the 

form of APs and LFPs) in response to environmental conditions (such as a change in a chemical 

concentration in cell media), and the signals can be used to analyze the signal frequency and 
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propagation. Beyond the high SNR of the recordings, OECTs can be made smaller without a significant 

compromise in SNR, unlike traditional MEAs. For cutaneous applications, OECT is an alternative to 

the golden standard, the gel integrated Ag/AgCl electrodes. The traditional electrodes are widely used 

but suffer from many issues such as stability on the skin, high impedance, and large size. OECTs can 

tackle these issues: the flexible materials compatible with OECT fabrication provide comfort to the user 

and fewer motion artifacts; their small size provides higher spatial resolution for sensor arrays along 

witha high SNR; and their biocompatibility with the skin makes them more suitable for long-term signal 

acquisition. OECTs, perhaps, offer their most significant advantages for in vivo applications. The 

requirements of stability, biocompatibility, and enhanced biointerfacing become especially important 

for implantable devices. Higher SNRs enable capturing signals from parts of the brain that passive 

electrodes cannot capture due to background noise picked up outside the region of recording. This 

allows OECTs to be less invasive than penetrating electrodes. Additionally, the transparency of the CPs 

makes OECTs suitable for optogenetic applications.  

While OECTs outperform traditional passive electrodes and offer many advantages, they still have 

some shortcomings. For example, OECTs need a stable electrolyte environment to operate at their best, 

which limits their use to short-term measurements, a problem when it comes to recordings from the 

skin. For chronic measurements, ionic liquids and their gels are preferable because they do not dry out 

during long-term measurements. The use of gel or solid electrolytes leads however to even slower 

response times, which limits their application in vivo. In fact, a major shortcoming of the OECT is the 

speed. OECTs made from PEDOT:PSS or other relatively new accumulation mode OECTs have 

response times that make it challenging to implement them for several applications, such as the analysis 

of fast signals from neural APs. While the speed of OECTs can be enhanced by tuning the geometry, it 
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usually entails a trade-off with transconductance, and thus SNR. New materials with high ionic 

mobilities and architectures (for instance, the vertical OECT)[102] offer a path to enhance OECT 

performance without any trade-offs. Architectures like the accumulation-mode IGT also increases the 

speed of OECTs close to the bar set by Si-FETs without decreasing SNR. Overall, new materials, device 

designs, and operation schemes will open an avenue for the broader use of OECTs in detecting various 

electrophysiological signals, and fast-tracking their translation to the clinic. 
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