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A B S T R A C T

Non-invasive, real-time, and continuous monitoring of trace amounts of glucose in near-neutral biofluids is 
significant for the daily care and treatment of diabetic patients or people with suboptimal health status. Despite 
improved sensing performance with novel low-dimensional materials or porous structures in various enzymatic 
and non-enzymatic electrochemical glucose sensors, they still suffer from high cost, poor long-term stability, and 
performance fluctuations in varied temperature and pH. This work synergistically combines an Au-modified 
porous laser-induced graphene (LIG) gate electrode with an organic electrochemical transistor (OECT) to 
create a flexible non-enzymatic glucose sensor. The resulting OECT-based non-enzymatic glucose sensor exhibits 
significantly enhanced sensitivity in near-neutral biofluids, the limit of detection (LOD) (0.08 μM in pH = 7.4), 
excellent stability over time (degradation of ~10 % in 180 days) and against temperature changes (30 ◦C–40 ◦C), 
self-pH calibration capabilities, and uncompromised sensing performance with shrinking sizes. The highly 
consistent laser patterning technique and in situ galvanic reduction process for electrode modifications not only 
provide a simple yet versatile approach to creating low-cost, compact sensing platforms for precise and real-time 
sweat glucose measurements but also support scalable production, allowing the correlation study of key bio
markers in sweat and blood.

1. Introduction

Continuously quantifying the glucose concentration in different 
biofluids has great clinical implications for the evaluation of chronic 
diseases and metabolic processes. Despite the existence of the gold 
standard measurements with isotope dilution gas chromatography-mass 
spectrometry, continuous and real-time monitoring of glucose concen
tration with precision meeting clinical requirements remains a 

formidable challenge in both health management and chronic disease 
treatments (Volmer et al., 2015; Rodríguez-González et al., 2005). Ef
forts to tackle this challenge have led to the innovation of various optical 
or electrochemical sensors in wearable form. Depending on the working 
wavelength, the optical sensor that leverages the interaction between 
light and the glucose molecule can be categorized into near-infrared 
(NIR), mid-infrared (MIR), Raman, and photoacoustic (PA) spectros
copy (Ahmed et al., 2022; Yu et al., 2021). Since the glucose 
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concentration is calibrated by the transmission or reflection strength, 
the optical sensor often involves the use of delicate, expensive, and 
bulky optical systems, which severely restricts its application in 
point-of-care settings. Electrochemical sensors featuring simple struc
tures and low cost have been proposed to mitigate this issue (Handbook 
of Nanobioelectrochemistry, 2023; Kumar et al., 2019). The flexi
ble/stretchable electronics with integrated electrochemical sensors in 
the form of bio-patches or microneedles allow non-invasive, real-time, 
and on-site measurements of the glucose concentration in biofluids, 
including saliva, tears, sweat, and tissue fluids (Bakhshandeh et al., 
2024; Benedetti et al., 2024; Zhang et al., 2024; Zheng et al., 2024; 
Lorestani et al., 2023). It is feasible to infer the glucose concentration in 
the blood by exploiting the correlation between the blood glucose and 
that in the other biofluids (Reddy et al., 2022; Malik et al., 2016).

Despite significant advances, electrochemical glucose sensors still 
suffer from intrinsic limitations for mass production and commerciali
zation, including poor sensitivity, stability, and repeatability (Hassan 
et al., 2021; Park et al., 2006; Farahmandpour et al., 2022). Based on the 
working principle, electrochemical glucose sensors are categorized into 
either enzymatic (based on glucose oxidases or glucose dehydrogenases) 
(Kim et al., 2022; Ferri et al., 2011; Baghayeri et al., 2017; Okuda-
Shimazaki et al., 2020) or non-enzymatic (based on noble metals or 
transition metal oxides) (Thanh et al., 2016a; Hoa et al., 2015; Zhu et al., 
2016; Madhu et al., 2015). The former demonstrates high specificity but 
suffers from poor long-term stability, and temperature/pH sensitivity, 
while the latter exhibits relatively good stability, excellent temperature 
immunity, and generally superior sensitivity compared to the former 
(Park et al., 2006; Govindaraj et al., 2023; Wilson and Turner, 1992). 
However, these non-enzymatic glucose sensors, which rely on tradi
tional three-electrode configurations, typically require operation in 
strongly alkaline solutions (e.g., NaOH) and exhibit insufficient detec
tion limits in near-neutral biological fluids, thereby limiting their 
applicability in wearable devices. Extensive efforts have been devoted to 
addressing this challenge. One strategy involves reducing alkaline de
pendency, for example, by developing NaOH/Nafion/PEO hybrid films 
that sustain a strongly alkaline microenvironment (local pH > 10) in 
sweat through the gradual release of NaOH (Liang et al., 2024). Alter
natively, microreaction chambers encapsulating small amounts of 
alkaline solution have been employed to introduce sweat for testing 
(Zhu et al., 2021a). Other approaches aim to enhance the sensitivity of 
non-enzymatic glucose sensors under neutral conditions, such as 
increasing the electrode’s specific surface area using Pt-PLA nano
particles or AMWCNTs/AuNPs composites (Han et al., 2020; Chen et al., 
2024). However, their detection limits or linear detection ranges still fail 
to fully cover the glucose concentrations in human biofluids. Addition
ally, due to the potential drift of reference electrode in three-electrode 
configurations, non-enzymatic glucose sensors suffer from gradual per
formance degradation over time (Søpstad et al., 2018; Yang et al., 2009). 
Their sensitivity also significantly decreases with electrode size reduc
tion, limiting the miniaturization and high-density integration of 
wearable devices (Karyakin et al., 2007; Siddiqui et al., 2010).

Recently, it has been reported that exploiting the transconductance 
of field effect transistors (FETs) (Kaisti, 2017; Rollo et al., 2020; Hang
arter et al., 2010) or organic electrochemical transistors (OECTs) (Zhang 
et al., 2018; Sophocleous et al., 2021; Wu et al., 2024; Zhao et al., 2023) 
can significantly improve the limit of detection (LOD) of electrochemical 
sensors. These FET or OECT-based electrochemical glucose sensors are 
based on gated electrodes modified with recognition receptors 
(including enzymes, antibodies, and aptamers) for high specificity. 
Different from the conventional three-electrode configuration, the re
action at gate electrodes leads to a net flux of faradaic current at the 
gate/electrolyte interface, which alters the effective gate voltage and 
consequently the drain current with an amplification effect (Torricelli 
et al., 2021; Ghittorelli et al., 2018; Kergoat et al., 2012). Despite the 
enhanced sensitivity from the field effect, these field effect-based 
glucose sensors still suffer from complex enzyme immobilization steps 

and poor stability and performance fluctuations with changes in 
pH/temperature due to rapid receptor degradation (Sheldon and van 
Pelt, 2013; Valdes and Moussy, 2000).

This work introduces the first laser-fabricated flexible OECT-based 
non-enzymatic glucose sensor gated by a chemically modified laser- 
induced graphene (LIG) electrode with enhanced sensitivity, LOD, 
excellent long-term stability, and accurate measurements against the 
pH/temperature fluctuations in various biofluids. Porous LIG electrodes 
prepared and patterned by a low-cost and highly efficient laser scribing 
can be uniformly modified with Au nanocluster (AuNC) by a control
lable and consistent in situ galvanic reduction process, exhibiting great 
potential in miniaturization and scalable production of flexible glucose 
sensors for extensive correlation studies. The pH-dependent conductiv
ity of poly (3,4-ethylenedioxythiophene) polystyrene sulfonate (PEDOT: 
PSS) was further exploited to self-calibrate pH variations in biofluids for 
reduced interferences and improved accuracy. Impressively, different 
from electrochemical sensing in conventional three-electrode configu
rations, the OECT-based sensing mechanism ensures uncompromised 
glucose sensing performance with shrinking overall sizes by simply 
fixing the gate/channel ratio. The design and demonstration of the 
AuNC/LIG nanocomposite-gated OECT also provide a platform to 
further decorate aptamers and molecularly imprinted polymers for 
highly sensitive and stable detection of other biomarkers in different 
clinical applications.

2. Experimental section

2.1. Materials

Gold chloride trihydrate (≥99.9 % trace metals basis) was purchased 
from Sigma-Aldrich. PEDOT:PSS was purchased from Xi’an Polymer 
Light Technology Co., Ltd. 3-Glycidyloxypropyltrimethoxysilane (97 %) 
and Dodecylbenzenesulfonic acid (90 %) were obtained from Shanghai 
Macklin Biochemical Co., Ltd. Ethylene glycol (98 %) was purchased 
from Beijing Dehang Wuzhou Technology Co., Ltd. Polyimide (PI) films 
(50 μm thick) were purchased from DuPont, USA. Polyethylene glycol 
terephthalate (PET) films (100 μm thick) were purchased from 3M. All 
chemicals were used without further purification.

2.2. Fabrication of OECT-based non-enzymatic glucose sensors

After rinsing with ethanol and ultrapure water, the PI film was 
attached to a glass substrate coated with a thin PDMS layer (100 μm) as 
the adhesive. A thin Ti/Au layer (5 nm/100 nm) was deposited on the PI 
film via magnetron sputtering, followed by a lift-off process to serve as 
the source and drain electrode of OECT. PEDOT:PSS precursor solutions 
were prepared by stir mixing 94 wt% PEDOT:PSS, 5 wt% ethylene gly
col, 1 wt% GOPS, and 0.1 wt% DBSA for 1 h. The PEDOT:PSS precursor 
solution was spin-coated onto the PI film with a speed of 500 rpm for 6s 
and 2500 rpm for 30s, followed by annealing at 120 ◦C for 1 h to obtain a 
thin film of 200 nm. Ethylene glycol, GOPS, and DBSA were used to 
improve the conductivity and mechanical stability of the PEDOT:PSS 
film. The PEDOT:PSS thin film was patterned through photolithography 
and reactive ion etching (RIE, 90 mT pressure, 100 sccm O2, 5 sccm SF6, 
with 100 W for 240 s) to serve as the channel of OECT. The dimension of 
the channel in this work was set to 0.1 mm (L) × 2 mm (W), which also 
allows facile UV laser scribing. Photolithography and laser scribing 
processes were used for the fabrication of a single OECT unit and the 
array, respectively. A thin film of SU-8 3050 photoresist (~10 μm thick) 
was patterned to passivate the drain and source electrode while 
exposing the channel region.

The LIG electrode was prepared and patterned with one-step laser 
scribing (wavelength of 10.6 μm, spot size of 127 μm, and pulse duration 
of 17 μs). A CO2 laser was employed in the raster mode with power of 
10.5 % (equivalently power density of 24.8 kW/cm2), scanning speed of 
11 % (140 mm/s), PPI of 1000, and image density of 6 to create LIG 
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electrodes on the PI film. Next, the LIG electrode was uniformly modi
fied with AuNC by in situ galvanic reduction. To be specific, the LIG 
electrode with an external copper foil connected by a thin silver wire 
was immersed in HAuCl4⋅3H2O solutions. After a 1-h reaction and 
rinsing with ultrapure water, the Nafion precursor was drop-cast on the 
AuNC/LIG electrode to complete the fabrication process. The galvanic 
reduction process can be applied to a LIG electrode array with high 
yield, efficiency, and consistency for scalable production.

2.3. Materials characterization of LIG and AuNC/LIG electrodes

Scanning electron microscope (SEM) and energy dispersive spec
trometer (EDS) characterizations of different gate materials were ob
tained by a field emission scanning electron microscope (FESEM, JSM- 
7500 F, JEOL Ltd.). Raman spectroscopy was carried out using a 
Renishaw InVia Qontor Raman spectrometer at room temperature, with 
an excitation curve wavelength of 532 nm, a spectral range of 100–3000 
cm− 1, and a spectral resolution of 0.5 cm− 1. X-ray diffraction (XRD) 
analysis was measured using the BRUKER D8 Advance XRD system (Cu- 
Kα radiation, λ = 0.15418 nm). X-ray photoelectron spectroscopy (XPS) 
spectra were obtained by a K-Alpha X-ray photoelectron spectrometer 
using Al Kα radiation (0.6 eV) (ESCALAB Xi+, Thermo Fisher Scientific 
Inc.).

2.4. Electrochemical characterization of LIG, p_Au, and AuNC/LIG 
electrodes

Electrochemical characterizations, including Cyclic Voltammetry 
(CV) and Electrochemical impedance spectroscopy (EIS) of different 
gate materials were measured using an electrochemical workstation 
(CHI760E, CH Instruments Inc.). A traditional three-electrode configu
ration was used for CV and EIS measurements with a commercial Ag/ 
AgCl reference electrode and a platinum wire as the counter electrode. 
The obtained EIS data were fitted by the Zview software.

2.5. Electrical characterization and glucose-sensing performance of 
OECTs

Transfer characteristic of OECTs was measured with a semiconductor 
device parameter analyzer (Keysight B1500A) with Vds fixed at − 0.5 V 
and Vgs ranging from − 0.4 V to 0.6 V. Sensing performance (i.e., the 
amperometric response) of the OECT-based non-enzymatic glucose 
sensor with the addition of glucose was measured by a dual-channel 
electrochemical workstation (CHI760E, CH Instruments Inc.). The 
interference test for the non-enzymatic OECT-based glucose sensor was 
conducted following well-accepted protocols (Chiu et al., 2020a; Xu 
et al., 2012; Lee et al., 2019; Bai et al., 2017; Chen et al.). The selection 
of interferents and their concentrations were based on the composition 
of the target biofluids, such as sweat in this study. The concentration of 
glucose, KCl, NaCl, sucrose, maltose, fructose, DA, AA, AP, and UA was 
set to 1 mM, and the concentration of 10 mM was used for lactose.

2.6. Preparation of the integrated wearable glucose sensors

After designing the microfluidic pattern with the CAD software, the 
PET film was patterned by laser scribing to create the inlet, microfluidic, 
and outlet layers (Won et al., 2013). The as-fabricated OECT-based 
non-enzymatic glucose sensor was sandwiched between the microfluidic 
and inlet layers. Next, a laser-patterned double-sided medical adhesive 
tape was laminated on the inlet layer to provide adhesion for the inte
grated device with human skin. A dual-channel miniaturized electro
chemical workstation (BioSYS-P15E, Shenzhen Refresh Intelligent 
Technology Ltd.) with a built-in Bluetooth module was employed for 
real-time data sampling and wireless transmission to portable terminals 
(e.g., cellphones and tablets). All human subject studies were approved 
by the Institutional Review Board at Penn State University 

(#STUDY00020934).

3. Results and discussion

3.1. Design of the OECT-based non-enzymatic glucose sensor

Instead of measuring the oxidation current in the electrochemical 
glucose sensors with a conventional three-electrode configuration, the 
AuNC/LIG electrode in the PEDOT:PSS-based OECT serves as the gate 
electrode to significantly enhance the sensing performance by 
combining the transconductance and non-enzymatic sensing mechanism 
(Fig. 1). The detailed fabrication process of the OECT gated by the Au 
nanocluster (AuNC)-modified LIG electrode is depicted in the Experi
mental section and Fig. S1. Briefly, the AuNC/LIG was fabricated by 
first laser-scribing polyimide films to create LIG electrodes, then modi
fying them with AuNC via in situ galvanic reduction. The laser scribing, 
laser patterning, and galvanic reduction process can give a yield of 
thousands of samples per hour, which holds great potential for mass 
production (Fig. S2). The drain and source electrodes of the OECT can be 
fabricated by either conventional photolithography or low-cost and 
efficient laser engraving. A small channel length of ~15 μm can be easily 
obtained by laser engraving with high yield and consistency (Fig. S3). 
Considering its flexibility/programmability and compatibility with LIG 
preparation, laser engraving from a custom-built dual-laser system is 
explored to pattern the sensor array for mass production (Fig. S4).

3.2. Characterization of the AuNC/LIG electrode

SEM images show typical porous structures of the pristine LIG elec
trode with an average pore size of ~4 μm (Fig. 2a), which features a 
large surface area for electrochemical sensing and energy storage ap
plications (Purohit et al., 2020). Raman spectroscopy of LIG exhibits 
three characteristic peaks: the D peak at 1340 cm− 1, the G peak at 1578 
cm− 1, and the 2D peak at 2690 cm− 1, compared to the absence of these 
three peaks for the PI film (Fig. 2b). Besides the typical characteristic G 
and 2D peaks of graphene, the D peak represents the disordered vibra
tion peak of graphene, which indicates the possible occurrence of partial 
oxidation and formation of defects during laser scribing in the ambient 
environment (Avinash and Patolsky, 2023; Ferrari and Robertson, 2000; 
Mahapatra et al., 2024). The in situ galvanic reduction process (Onisuru 
et al., 2020) was adopted to modify LIG electrodes with AuNC to enable 
the non-enzymatic sensing capability toward glucose. The successful 
deposition of AuNC on LIG is further confirmed by SEM combined with 
EDS (Fig. 2a), XRD (Fig. 2c), and XPS (Fig. 2d). With in situ galvanic 
reduction, the amount and morphology of AuNC can be well controlled 
by the concentration of HAuCl4⋅3H2O precursor solutions and the 
deposition time. For a fixed deposition time of 1 h, increasing the con
centration c (in mg/mL) of HAuCl4⋅3H2O solutions transforms the AuNC 
morphology in the AuNC_c/LIG electrode from nanoparticles (with a 
diameter of ~60 nm) for AuNC_1/LIG to nanoflowers for AuNC_3/LIG. 
Further increasing the HAuCl4⋅3H2O solution concentration to 12 
mg/mL leads to a dense nanoflake structure with reduced porosity, as 
shown in the SEM and EDS images. Without loss of generality, the 
AuNC_12/LIG electrode is adopted in the following investigation unless 
specified otherwise. Compared with the conventional electroplating and 
dip-coating method, galvanic reduction can provide much more uniform 
and stable metallic coatings on less-conductive porous substrates 
(Fig. S5) (Zahed et al., 2020; Tehrani and Bavarian, 2016; Zhu et al., 
2021b). Meanwhile, the galvanic reduction-based modification is suit
able for scalable production with high consistency and low 
sample-to-sample variations, as verified by the optical (Fig. S2) and SEM 
(Fig. S6) images of the AuNC/LIG electrode array fabricated in the same 
batch. The galvanic reduction-based modification technique doesn’t 
introduce copper elements to the AuNC/LIG electrode, as revealed by 
the EDS mapping (Fig. S7).

The excellent electrochemical properties of AuNC/LIG electrodes 
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were revealed from CV and EIS measurements in the three-electrode 
configuration. With the presence of the Fe2+/Fe3+ redox couple in CV 
measurements, the corresponding oxidation and reduction peaks from 
the AuNC/LIG electrode are much higher than those from the planar Au 
(i.e., p_Au) and pristine LIG electrode (Fig. 2e), indicating much better 
electrochemical reactivity (Jeong et al., 2025). The charge-transfer 
resistance (Rct) of the LIG electrode is larger than that of the p_Au 
electrode and it decreases from 310 Ω to 250 Ω after AuNC modifications 
(Fig. 2f). The LIG electrode shows a higher diffusion rate (as indicated by 
the slope of the linear curve at the lower frequency range) than the p_Au 
electrode due to its porous structure, and the AuNC modification on LIG 
further improves the diffusion rate. The high charge transfer rate from 
AuNC modifications and the large specific areas of porous LIG result in 
the extraordinary glucose sensing performance of the AuNC/LIG elec
trode. Moreover, the EIS of ten AuNC/LIG electrodes fabricated from the 
same batch shows a small sample-to-sample variation (~2.2 %) 
(Fig. S8). The sensing performance of samples from different batches 
also features a small variation of ~3.4 % (Fig. S9). These results confirm 
the highly controllable and consistent modification based on galvanic 
reduction. The AuNC/LIG electrode exhibits clear oxidation-reduction 
peaks to the added 5 mM glucose in CV measurements (Fig. 2g). With 
a pH value of 13, the adsorption of OH− on the surface of AuNC leads to 
the formation of AuOHads during the positive scan, which serves as the 
catalytic site for glucose oxidation. The relatively broad anodic peak at 
− 0.1 V (“I”) represents the oxidation of glucose into the intermediate 
product (i.e., gluconolactone). As the applied potential increases, glu
conolactone is further oxidized into gluconate at 0.45 V (“II”). The 
formation of oxide on the AuNC surface above 0.45 V reduces AuOHads 

active sites, leading to a decrease in the anodic peak current. During the 
negative scan, the reduction of Au oxides regenerates sufficient AuOHads 
for glucose oxidation, manifesting by a significant anodic peak at 0.3 V 
(Chiu et al. 2020a, 2020b; Xu et al., 2017; Thanh et al., 2016b). A peak 
at about − 0.2 V was observed in both cases (i.e., with or without glucose 
additions), which can be attributed to the reduction of the AuOHads 
(Chiu et al., 2020a; Xu et al., 2017). The increased peak current with the 
increasing pH value confirms the improved electrochemical reactivity of 
the AuNC/LIG electrode toward glucose in alkaline environments. 
Notably, the glucose oxidation peaks almost vanish as pH decreases to 
7.4 due to the low reaction kinetics (Fig. S10), which accounts for the 
degraded glucose sensing performance of non-enzymatic sensors with 
traditional three-electrode configurations in near-neutral biological 
fluids.

3.3. Characterization of the OECT-based non-enzymatic glucose sensor

The OECT-based non-enzymatic glucose sensor introduced in this 
work features an in-plane gating structure (Fig. 3a). As the channel 
material of the OECT, the p-type semiconducting PEDOT:PSS is in a 
highly conductive state under zero gate voltage due to the hopping of 
free electrons along the main chain of PEDOT+. When a positive bias is 
applied, it changes to a low-conductivity state due to the injection of 
positive ions and the recombination of free electrons with PEDOT+, 
leading to a de-doping effect that switches the OECT into depletion 
mode (Fan et al., 2019; Pappa et al.). Therefore, the input electrical 
signal on the gate electrode is amplified by the channel current (i.e., the 
drain-source current, Ids) through the high transconductance of the 

Fig. 1. Schematic illustrating the working principle and advantages of the non-enzymatic glucose sensor based on the OECT. (a) Schematics illustrating the 
glucose-sensing mechanism of the OECT-based non-enzymatic glucose, i.e., the carrier modulation of the PEDOT:PSS channel via the effective gate voltage, which is 
controlled by glucose oxidation at the AuNC/LIG electrode. (b) Schematic showing numerous advantages of the AuNC/LIG-gated OECT glucose sensor, including 
miniaturization and scalable production, high sensitivity, high stability over time, and self-pH calibration. (c) Optical images of the OECT-based non-enzymatic 
flexible glucose sensor array in the flat or bending state, as well as the integrated devices for non-invasive sweat glucose sensing.
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OECT. As the glucose concentration alters the effective gate voltage due 
to the faradaic process, accurate glucose concentrations can be 
measured from the amplified Ids change in the OECT with AuNC/LIG 
gate electrodes.

As the glucose sensing performance relies on the amplification effect 
of the OECT, the intrinsic transfer and transconductance characteristics 
of the PEDOT:PSS-based OECT with a channel length of 0.1 mm and 
width of 2 mm are first investigated for various gate electrodes: com
mercial Ag/AgCl, LIG, AuNC/LIG, and p_Au electrodes. Gated by an Ag/ 
AgCl electrode, the PEDOT:PSS-based OECT maintains an on-off 
behavior and almost unchanged cut-off voltage in both acidic and 
basic solutions (Fig. 3b), indicating its robust performance in various pH 
environments. However, the on-state conductivity decreases with 
increasing pH, which can be attributed to the disruption of the π-π 
stacking structure of PEDOT+ chains due to their neutralization with 
OH− in the solution (Lee et al., 2023; Mochizuki et al., 2012; Garreau 
et al., 2001). The pH-dependent on-state conductivity can be leveraged 
to measure the pH value of biofluids and calibrate glucose sensing re
sults for improved accuracy. The OECT gated by polarized electrodes (e. 
g., LIG, AuNC/LIG, and p_Au) exhibits similar on-off behaviors (Fig. 3c), 
but with a right-shifted threshold voltage (Fig. 3d). The effective voltage 
applied on the channel (Vec) can be expressed by Vec =

Vgs
Cec/Cge+1, where 

Vgs is the gate voltage and Cec (Cge) is the capacitance at the electro
lyte/channel (gate/electrolyte) interface. Non-polarized electrodes (i.e., 

Ag/AgCl) exhibit a larger Cge due to fast charge transfer in Faradaic 
processes at the gate/electrolyte interface, and thus result in a higher Vec 
for the same Vgs, compared to polarized electrodes (i.e., LIG, AuNC/LIG, 
and p_Au) (Fig. S11) (Gao et al., 2024).

Compared to the p_Au electrodes, the LIG and AuNC/LIG electrodes 
with 3D porous structures provide a higher Cge, resulting in a smaller 
shift of the threshold voltage and a leftward shift in the transfer curve of 
OECT. Nevertheless, the maximal transconductance (gm) of OECT with 
different gate electrodes is still higher than 4 mS (Fig. S12) due to the 
volumetric doping of PEDOT:PSS, as described by 

gm =
Wd
L

μ C* ( Vth − Vgs
)

(1) 

where W, L, and d are the channel width, length, and thickness of OECT, 
μ is the carrier mobility of PEDOT:PSS, C* is the specific volumetric 
capacitance, and Vth is the threshold gate voltage (Yao et al., 2023). The 
high transconductance of OECT ensures an excellent amplification effect 
for low-concentration biosensing.

Since FET or OECT-based biosensors do not exhibit a linear response 
like conventional electrochemical or optical sensors, the normalized 
current response (NCR) is defined as the ratio of the drain current before 
(I0

ds) and after (Ic
ds), the addition of glucose with a given concentration of 

c as follows (Bernards et al., 2008): 

Fig. 2. Characterization of LIG and AuNC/LIG gate electrodes. (a) SEM images of the (i) LIG, (ii) AuNC_1/LIG, (iii) AuNC_3/LIG, (iv) AuNC_12/LIG electrode, 
along with the EDS mapping of AuNC_12/LIG electrode. (b) Raman spectrum of the polyimide (PI) film and the LIG electrode. (c) XRD and (d) XPS of the LIG and 
AuNC/LIG electrodes. (e) CV and (f) EIS curves of the LIG, AuNC/LIG, and planar Au (p_Au) electrode measured in 5 mM [Fe (CN)6]3-/4- redox probe. EIS mea
surements were carried out at 0.35 V in the frequency range from 0.01 Hz to 1000 kHz. The inset shows the Randles circuit for fitting the Nyquist plots. (g) CV curves 
of the AuNC/LIG electrode after adding 5 mM glucose in different pH solutions. The inset shows the magnified CV curve with (solid) or without (dashed) 5 mM 
glucose (pH = 13).
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NCR=

⃒
⃒
⃒
⃒
Ic
ds − I0

ds
I0
ds

⃒
⃒
⃒
⃒ (2) 

to provide a fair comparison of sensitivity for OECT-based 
biosensors.

The applied gate voltage, AuNC loadings on the LIG electrode, and 
gate electrode size of the OECT-based non-enzymatic glucose sensor can 
be optimized for enhanced sensitivity, LOD, and working range to match 
with various biofluids, such as sweat, saliva, and blood serum 
(Table S1). The applied voltage influences not only the electrochemical 
reactivity but also the transconductance, thereby affecting the amplifi
cation effect. A low gate voltage is insufficient to electrochemically 
oxidize glucose, whereas a high gate voltage is unfavorable for high 
amplification and also reduces selectivity due to the oxidation of inter
ferents. Therefore, it is essential to optimize the applied gate voltage on 
AuNC/LIG in the OECT for highly sensitive glucose detection. With a 
progressive rise in glucose concentrations, increasing the gate voltage 
from 0.1 to 0.7 V decreases the initial current magnitude of the AuNC/ 
LIG-gated OECT (Fig. S13), which is attributed to the intrinsic depletion 
mode of PEDOT:PSS-based OECT (Liang et al., 2021). The NCR of the 
AuNC/LIG-gated OECT initially increases and then decreases as the 
applied gate voltage increases from 0.1 to 0.7 V, with the highest NCR 
obtained at 0.5 V for 1 mM glucose (Fig. 3e). The optimal applied po
tential of 0.5 V for sensitivity is higher than 0.2 V for the maximal 

transconductance and 0.3 V for glucose oxidation by AuOHads, which 
can be attributed to the coexistence of the faradaic (i.e., the glucose 
oxidation) and non-faradaic (i.e., the formation of interfacial double 
layers) process at the gate/electrolyte interface.

As the concentration of HAuCl4⋅3H2O precursor solutions during the 
galvanic reduction process affects the amount and morphology of AuNC 
loadings on the LIG, it is also optimized to improve NCR of AuNC/LIG- 
gated OECT for glucose sensing (Fig. S14). The negligible response of the 
pristine LIG (without AuNC modification) to glucose confirms the key 
role of AuNC in non-enzymatic glucose sensing. The NCR of AuNC/LIG- 
gated OECT to 1 mM glucose initially increases and then decreases with 
the HAuCl4⋅3H2O concentration, with the highest NCR achieved at 12 
mg/mL (i.e., AuNC_12/LIG) (Fig. 3f). For a fixed size of channels, 
increasing the size of the AuNC/LIG gate electrode reduces the NCR but 
extends the working range. The increase in gate electrode size, accom
panied by an increase in Cge, results in a leftward shift in the transfer and 
transconductance curves of the OECT (Fig. S15). It is found that the NCR 
of AuNC/LIG-gated OECT for 1 mM glucose decreases with increasing 
gate electrode size (Fig. 3g). Considering the wide range of glucose 
concentrations in biofluids (from 28 μM to 8 mM) (Boselli et al., 2021; 
Niu et al., 2013), the AuNC/LIG gate electrode in the OECT is designed 
with a diameter (i.e., d) of 5 mm to cover this range while maintaining 
an optimized NCR.

With the aforementioned optimized parameters, the sensing perfor

Fig. 3. Characterization and optimization of the OECT-based non-enzymatic glucose sensor. (a) Optical images of the OECT-based non-enzymatic glucose 
sensor. The channel dimensions are defined as L (length) × W (width). (b) Transfer curves of the OECT gated by an Ag/AgCl reference electrode in solutions with 
different pH values. (c) Transfer and (d) transconductance curves of the OECT in a PBS solution (pH = 7.4) with different gate electrodes: the Ag/AgCl, LIG, AuNC/ 
LIG, and p_Au electrode. The influence of (e) the applied gate voltage, (f) AuNC loadings, and (g) gate electrode size on the normalized current response (NCR) of the 
OECT-based non-enzymatic glucose sensor to 1 mM glucose (pH = 7.4). (h) Typical amperometric response of the optimized OECT-based non-enzymatic glucose 
sensor to progressively added glucose from 10− 8 M to 30 mM (pH = 7.4). (i) Current response and effective gate potential shift of the optimized OECT-based non- 
enzymatic glucose sensor as a function of the glucose concentration. Inset is the current response change plotted on a logarithmic scale. All data points are rep
resented as means ± standard deviation (SD) from five samples.
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mance of the AuNC/LIG-gated OECT glucose sensor is characterized by 
dropwise addition of glucose solutions (10− 8 M to 3 × 10− 2 M), with a 
significant response observed until saturation at ~30 mM (Fig. 3h). The 
gate current (i.e., Igs) of the OECT remains consistently low at 10− 8 A 
and shows almost no change with glucose addition, confirming that the 
high sensitivity originated from the transconductance of the OECT 
(Fig. S16). The glucose sensor shows an exponential relationship be
tween Ids and glucose concentration on a logarithmic scale (Fig. 3i), 
which is an intrinsic property of FET-based sensors (Tang et al., 2011; 
Wang et al.; Nakatsuka et al., 2018). However, changing the y-axis (i.e., 
ΔIds) into the logarithmic scale (i.e., Log [ΔIds(A)]) yields a linear cali
bration curve to facilitate practical applications (see the inset of Fig. 3i). 
The increased glucose oxidation at high concentrations results in more 
charge transfer in the faradaic process, leading to a reduction in Vge and 
a consequent leftward shift in the output curve (Fig. S17). The effective 
gate voltage Vgs

eff that will lead to the same Vec without glucose additions 
can be given by the following equation (Tang et al., 2011): 

Veff
gs =VGS +

(
Cec

/
Cge +1

) kT
2q

ln[glucose] + constant (3) 

where k is the Boltzmann constant, T is the temperature, q is the electron 
charge, and C is a constant. The shift in the effective gate voltage (ΔVgs

eff) 

as a function of glucose concentration, derived from the channel current 
using the normalized transfer curve, follows the same trend as Ids but 
deviates from the analytical equation (Fig. 3i). This finding is consistent 
with previous results in the OECT-based nitric oxide sensor (Deng et al., 
2022) and the FET-based dopamine sensors (Zhang et al., 2014a), which 
can be attributed to the weak reaction of glucose in near-neutral con
ditions. Consistent with these works, a linear correlation (R2 of 0.9984) 
between glucose concentration and ΔVgs

eff can be established by changing 
to logarithmic scale (Fig. S18).

3.4. Comparison of sensing performance

The combination of non-enzymatic and OECT-based sensing mech
anisms offers the advantages such as superior LOD and long-term and 
temperature stability, which was highlighted by comparison with the 
three-electrode-based non-enzymatic and OECT-based enzymatic sen
sors (Fig. 4a). The NCR of OECT-based glucose sensors increases before 
reaching saturation with glucose concentrations in alkaline solutions (e. 
g., pH = 8.5 and 9.5) (Fig. 4b), which is consistent with previous work 
(Cicoira et al., 2010). Impressively, the NCR of AuNC/LIG-gated OECT 
at low glucose concentrations (e.g., 10− 8 - 10− 6 M) increases signifi
cantly with pH (Fig. S19), which can be attributed to the enhanced 

Fig. 4. Sensing performance of the OECT-based non-enzymatic glucose sensor. (a) Schematic diagram of the OECT-based non-enzymatic, three-electrode-based 
non-enzymatic, and OECT-based enzymatic glucose sensor. (b) NCR of the AuNC/LIG-gated OECT and (c) amperometric response of the bare AuNC/LIG electrode in 
the three-electrode configuration at different pH levels. (d) Current response of the OECT or three-electrode-based non-enzymatic glucose sensor with reduced 
AuNC/LIG electrode sizes. (e) Comparison of the long-term stability of the OECT-based enzymatic and non-enzymatic glucose sensor over 180 days in air and PBS 
solution. (f) NCR of twenty AuNC/LIG-gated OECT glucose sensors fabricated in the same batch to additions of 1 mM glucose. (g) Selectivity test of the OECT-based 
non-enzymatic glucose sensor with various interferents, including DA, AA, lactose, NaCl, KCl, sucrose, fructose, maltose, AP, and UA. (h) NCR of the OECT-based 
non-enzymatic glucose sensor tested in different artificial biofluids (i.e., artificial sweat, blood, urine, saliva, and sweat) with increasing glucose concentrations from 
10− 6 M to 10− 3 M (i) NCR of OECT-based non-enzymatic glucose sensor to glucose additions before and after repeated bending of 10, 100, and 1000 cycles. The inset 
shows the optical image of the flexible glucose sensor in the bending state with a radius of 10 mm. All data points are represented as means ± standard deviation (SD) 
from five measurements.
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electrochemical activity of non-enzymatic AuNC/LIG electrodes in 
alkaline environments. Besides high sensitivity, the LOD and working 
range of the optimized OECT-based glucose sensor are also important for 
glucose detection from various biofluids. Similar to the NCR, the LOD of 
OECT-based glucose sensors is lower in alkaline environments. In 
contrast, the maximal measurable glucose concentration (i.e., the satu
ration point of the NCR curve) decreases with increasing pH. For 
example, the LOD and maximal measurable glucose concentration of 
AuNC/LIG-gated OECT at pH = 9.5 (6.5) are 0.01 (10) μM and 0.1 (>5) 
mM, respectively. As expected, the AuNC/LIG electrode in the 
three-electrode configuration also favors basic environments for glucose 
sensing, as revealed by the lower LOD at higher pH values (Fig. 4c, 
Fig. S20). The experimentally measured LOD of the OECT-based sensor 
is more than two orders of magnitude lower than that of the 
non-enzymatic sensor with a three-electrode configuration, while 
maintaining the same AuNC/LIG electrode dimensions (Table S2), 
confirming the key role of the amplification effect from the trans
conductance of OECT. The theoretical LOD of the OECT-based glucose 
sensor reaches as low as ~0.08 μM in near-neutral solutions (i.e., PBS 
with pH = 7.4), which enables direct and continuous glucose sensing in 
biofluids. This value is also much lower than the other metal 
nanoparticle-based non-enzymatic glucose sensors reported by previous 
studies (Table S3). Notably, the OECT with the non-enzymatic electrode 
(i.e., AuNC/LIG) exhibits higher NCR values than that with the enzy
matic electrode (GOx/AuNC/LIG) for the same OECT configuration 
(Fig. S21).

Another salient advantage of OECT-based glucose sensors is facile 
miniaturization (with reduced overall sensor dimensions) without 
compromising sensing performance, while also minimizing the volume 
of biofluids required for rapid sampling and sensing. As the working 
electrode size decreases from 5 mm to 1 mm, the conventional electro
chemical sensor with the three-electrode configuration shows a signifi
cantly reduced current response by more than four orders of magnitude 
(Fig. 4d). In contrast, the OECT-based glucose sensor with a reduced 
channel length, width, and gate electrode by 1/5 (while fixing the gate/ 
channel ratio, Fig. S22) maintains an almost unchanged sensing curve. 
The uncompromised sensing performance with a dramatic size reduc
tion facilitates the miniaturization of wearable devices for multimodal, 
high-density integration.

The long-term stability of the flexible AuNC/LIG-gated OECT glucose 
sensor is significantly higher than that of the OECT-based enzymatic 
sensor in both air and liquid environments (Fig. 4e). The degradation of 
the OECT-based enzymatic sensor is 30 % in air and 40 % in the PBS 
solution over the measurements of 20 days, whereas the NCR variation 
of the AuNC/LIG-gated OECT glucose sensor is less than 5 % in both air 
and PBS solution. The non-enzymatic OECT-based sensor also exhibits 
extremely high stability, with degradation of only ~10 % even over an 
extended period of up to 180 days (Table S4), benefiting from its 
reference electrode-free and enzyme-free design. Additionally, negli
gible variations in the sensing performance of the OECT-based glucose 
sensor under temperature fluctuations were observed (Fig. S23). 
Without the involvement of enzymes, the low-cost AuNC/LIG-gated 
OECTs, with their superior long-term stability, eliminate the need for 
frequent calibration or sensor replacement, thereby reducing overall 
costs. The flexible OECT-based glucose sensor, fabricated using laser 
scribing and galvanic reduction-based modification, demonstrates very 
low sample-to-sample variation, as evidenced by a relative standard 
deviation (RSD) of 2.07 % in the NCR among twenty glucose sensing 
units from the same batch (Fig. 4f). This confirms the high consistency, 
uniformity, and controllability of the fabrication process.

Considering the complex chemical compositions in biofluids, it is 
necessary to evaluate the specificity of the AuNC/LIG-gated OECT 
glucose sensor against common inorganic and organic interfering 
agents, including NaCl, KCl, various monosaccharides (e.g., sucrose, 
maltose, and fructose), dopamine (DA), ascorbic acid (AA), 4-acetami
dophenol (AP), uric acid (UA), and lactose (Fig. 4g, Fig. S24). 

Monosaccharides were selected to test the specific sensing mechanism of 
AuNC/LIG electrodes, while the choice of other interfering agents and 
their concentrations was based on the composition and typical concen
tration ranges in the biofluid being tested, such as sweat in this work. 
The negligible response of the OECT-based biosensor to other mono
saccharides confirms its specificity for glucose. Compared to glucose, 
DA, AP, and UA, which have similar oxidation potentials, result in a 
much smaller current response (NCR ~ 0.02). Although AA is a well- 
known interferent due to its high reductivity, the use of a Nafion layer 
on the AuNC/LIG electrode significantly reduces AA interference by 
leveraging electrostatic repulsion (Zhu et al., 2021a; Zhang et al., 
2014b). Lactose, even at high concentrations, produces almost no cur
rent response. Additionally, the OECT-based non-enzymatic glucose 
sensor recovers to its initial state within 5 min after glucose removal 
(Fig. S25), indicating excellent reversibility. Its high selectivity and 
specificity were further verified in different artificial biofluids such as 
artificial sweat, blood, urine, and saliva (pH = 7.4). Despite the complex 
composition of these artificial fluids (Table S5), the OECT-based 
non-enzymatic biosensor shows a consistent response with negligible 
variations (Fig. 4h, Fig. S26). Furthermore, the OECT-based non-enzy
matic glucose sensor demonstrates excellent mechanical robustness, as 
evidenced by minimal NCR changes (<4.6 %) under bending de
formations with a radius of 10 mm (Fig. 4i, Fig. S27).

It is important to note that the pH level of biofluids may vary 
significantly with the physiological conditions of different individuals. 
For example, human sweat, which is weakly acidic or neutral under 
normal conditions, becomes weakly alkaline as the heart rate increases 
during exercise (Granger et al., 2003). Due to these pH fluctuations, the 
sensing performance of the AuNC/LIG-gated OECT glucose sensor is 
significantly affected, as confirmed by the characterization in artificial 
sweat (Fig. S28). To enable accurate glucose sensing in biofluids with 
dynamically changing pH values, and to provide a comprehensive 
evaluation of physiological conditions, a simple yet effective self-pH 
calibration method can be implemented within the OECT-based 
glucose sensor without the need for additional pH sensing units. The 
working principle relies on the pH-dependent conductivity of PEDOT: 
PSS. The pH calibration based on PEDOT:PSS exhibits high stability 
under varying environmental conditions and during extended use for 
one month (Fig. S29). In particular, the conductance of the PEDOT: 
PSS-based channel at zero gate voltage (i.e., Ids at Vgs = 0 V) can be 
used to determine the pH value (Fig. S30). Next, by measuring the drain 
current at an applied gate voltage of 0.5 V (i.e., Ids at Vgs = 0.5 V) and 
referencing the calibration curve at the determined pH value, the 
glucose concentration can be obtained with significantly improved ac
curacy. The two-step measurement with self-pH calibration can be 
iterated during continuous glucose monitoring in case of frequent and 
dramatic pH fluctuations.

3.5. Integrated OECT-based devices for real-time sweat glucose sensing 
and correlation studies

Integrating the AuNC/LIG-gated OECT with a microfluidic module 
enables the development of a wearable glucose sensor for real-time 
sampling and monitoring of sweat on human skin (Fig. 5a). The corre
lation between sweat and blood glucose concentrations can be estab
lished by measuring blood glucose levels at specific time points using a 
commercial finger-prick-based sensor. The AuNC/LIG-gated OECT- 
based glucose sensing layer is sandwiched between a bottom sweat inlet 
layer and a top microfluidic layer below an outlet layer. The microfluidic 
channel and detection chamber are fabricated by highly efficient laser 
patterning of hydrophilic polyethylene glycol terephthalate (PET) films. 
Capillary forces drive sweat flow along the microfluidic channel into an 
ultra-small chamber with an area of 8.9 mm2. With red-dyed ink for easy 
visualization, the fluid flow at a rate of 637 μL min− 1 cm− 2 (higher than 
the typical sweat rate of 61.9 μL min− 1 cm− 2) takes 100 s to fill on inlet 
microfluidic channel and chamber with a volume of 8.4 μL (Fig. 5b), due 
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to the good hydrophilicity properties of the PET film. The small size of 
the OECT, combined with their uncompromised sensing performance, 
reduces the required volume of biofluid and enables the use of minia
turized microfluidic units. Moreover, iontophoresis-based transdermal 
delivery of sweat stimulants (e.g., acetylcholine, pilocarpine, betha
nechol, methacholine, and carbachol) can induce continuous sweat 
production on various parts of the human body without the need for 
exercise (Sempionatto et al., 2021; Xu et al., 2024), which can greatly 
extend the application scenario of the OECT-based glucose sensors. The 
flexible PET and PI materials provide the integrated sweat sensor with 
robust performance against bending, allowing it to conformally attach to 
human skin with an adhesive layer for reliable glucose measurements 
even during motion. By combining the integrated sensor with a minia
turized 2-channel electrochemical station equipped with a built-in 
Bluetooth module, the measured data can be wirelessly transmitted to 
portable devices, such as smartphones and tablets (Fig. 5c). Addition
ally, the aforementioned self-pH calibration is implemented to enhance 
the accuracy of glucose measurements in dynamic environments.

Evaluation of the fully integrated sweat glucose sensor in vivo on ten 

healthy human subjects demonstrates its feasibility for practical appli
cations. Each subject engaged in a light workout session (e.g., indoor 
running) for 30 min before and after meals, to generate sweat for glucose 
measurements, while blood glucose levels were also simultaneously 
measured using a commercial finger-prick glucose meter (Fig. 5d), a 
strong linear correlation between sweat and blood glucose levels was 
observed for all ten human subjects (R2 = 0.97 or 0.96) before and after 
the meal (Fig. 5e). Despite individual variations, the correlation be
tween the sweat and blood glucose levels (i.e., Csweat/Cblood) for each 
human subject remained nearly constant before and after the meal, with 
a negligible difference (<5 %) (Fig. 5f). For a specific subject (subject 
#4), Csweat/Cblood remained consistent at (23.6164 ± 0.6620) × 10− 3 

over a week of measurements (Fig. 5g), confirming the feasibility of 
long-term longitudinal studies. After individual calibration or setting up 
a calibrated database from a large population, it is possible to continu
ously and longitudinally monitor blood/sweat glucose levels for indi
vidualized evaluations.

Evaluation of the integrated sweat patch during food intake and 
exercise demonstrates the effectiveness of self-pH calibration for real- 

Fig. 5. Fully integrated, wearable, OECT-based sweat sensors for real-time glucose monitoring. (a) Exploded view (left) and optical images (right) of the fully 
integrated, wearable, OECT-based sweat glucose sensor. (b) Optical images of the microfluidic module at different time points show the fluid sampling process. (c) 
Schematic of the two-step measurement with pH calibration for real-time, continuous glucose monitoring using the fully integrated sweat glucose sensor, which 
includes a built-in Bluetooth module for wireless data transmission. (d) Comparison of glucose levels in sweat (measured by the OECT-based glucose sensor) and 
blood (measured by a commercial finger-prick glucose meter) from ten subjects before and after meals. (e) Correlations between glucose levels in blood and sweat 
before and after meals. (f) Correlations between glucose levels in blood and sweat for each subject before and after meals. (g) Correlations between glucose levels in 
the blood and sweat of human subject #4 over a 14-day measurement period. Real-time, continuous measurements of sweat glucose levels from human subject #4 
before and after the intake of (h) rice and (i) chocolate, along with the measured glucose level in the blood. The intake of chocolate causes a pH change, which can be 
self-calibrated by the same sensing unit for improved accuracy of sweat/blood glucose concentrations.
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time, continuous glucose sensing. In Fig. 5h, the microfluidic chamber 
was initially empty and then filled with sweat in approximately 12 min, 
the ionic pathways enabled by the electrolyte allow the gate voltage (Vgs 
= 0.5 V) to be applied to the channel, resulting in a sharp change in Ids. 
As a result, the sweat rate of the human subject during exercise is 
calculated to be approximately 0.47 μL min− 1 per sweat gland, which is 
consistent with previous reports (Zhang et al., 2020). After rice intake 
and resting for 30 min, the current (Ids) remains constant in this period 
due to sweat retained in the microfluidic chamber without refreshing. 
Re-engaging in workouts after rest continues to stimulate sweat. As the 
channel is completely refreshed with new sweat, Ids gradually decreases 
by 8.3 %, followed by a slow increase to a plateau higher than the 
pre-meal level. As a result, the sweat glucose concentration derived from 
the calibration curve increases from 100 to 170 μM after rice intake and 
then slowly decreases to 140 μM due to metabolic processes during 
exercise. Since there are negligible pH fluctuations and sweat rate 
changes during the entire measurement process after rice intake, a 
one-time pH determination at the beginning is sufficient for accurate 
glucose measurements. To highlight the self-pH calibration capability, 
the measurement started when the microfluidic chamber was filled with 
sweat or refreshed with new sweat after the intake of chocolate (Fig. 5i). 
A change in sweat pH from 6.5 to 6 after chocolate intake is detected by 
the PEDOT:PSS-based OECT at zero gate voltage, as revealed by a jump 
of the baseline current (ΔIds) (Fig. 5i). The measured pH change is 
consistent with that from the commercial pH meter, indicating the high 
accuracy of the PEDOT:PSS-based OECT for pH sensing. Due to the 
significant pH fluctuation, real-time pH calibration during continuous 
glucose monitoring becomes necessary. By using the in situ measured pH 
of 6 instead of the previously measured pH of 6.5, the glucose concen
tration in sweat is determined to decrease from 190 to 160 μM (using the 
calibration curve at pH = 6.0) (Fig. S31), corresponding to a decreased 
blood glucose concentration from 7.45 to 6.95 mM from the linear 
correlation. Compared to the blood glucose concentration of 7.0 mM 
measured by the commercial glucose meter, the self-pH calibration helps 
reduce the measurement error from 6.4 % down to 0.71 % by almost ten 
times. Considering that more dramatic pH changes are associated with 
larger measurement errors, it is crucial to utilize self-pH calibration for 
highly accurate glucose measurements in complex real-world scenarios 
over time, enabling informed clinical decisions. The OECT-based 
non-enzymatic glucose sensor for non-invasive continuous glucose 
sensing can be further integrated with insulin-loaded drug delivery 
systems, such as pumps or microneedles, to create a closed-loop system 
for managing diabetes in patients.

4. Conclusion

In summary, this work reports a wearable non-enzymatic OECT- 
based sweat glucose sensor gated by a porous, chemical-modified 
AuNC/LIG electrode with high sensitivity, specificity, and stability 
over time and fluctuations of pH/temperature. The highly controllable 
and consistent laser fabrication and in situ galvanic reduction process for 
chemical modifications hold great potential in scalable production and 
device miniaturization. The LOD of the non-enzymatic OECT-based 
glucose sensor can be as low as 0.08 μM at pH 7.4, surpassing all pre
viously reported non-enzymatic glucose sensors and demonstrating its 
excellent applicability in near-neutral biological fluids. Across a wide pH 
range from 5.5 to 9.5, the LOD remains consistently two orders of 
magnitude lower than that of conventional electrochemical sensors with 
the three-electrode configuration. Besides the long-term stability, the 
OECT-based biosensor can perform self-pH calibration at zero gate 
voltage, first determining the pH value of biofluids and then accurately 
deriving glucose concentrations at the calibrated pH. Impressively, 
different from conventional electrochemical sensors with the “three- 
electrode” configuration, the OECT-based biosensor maintains uncom
promised sensing performance even as its size is reduced, enabling the 
miniaturization of wearable devices. By combining the OECT-based non- 

enzymatic glucose sensor with the microfluidic module and miniatur
ized electrochemical workstation, the fully integrated glucose sensor can 
non-invasively and wirelessly detect sweat glucose levels that strongly 
correlate with blood glucose levels. The accurate measurement of sweat 
glucose by the non-enzymatic OECT-based biosensor, combined with 
self-pH calibration and its strong correlation to blood glucose levels, 
demonstrates the feasibility of this versatile platform for practical clin
ical applications across various food intake and physiological 
conditions.
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