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Antiepileptic therapy requires timely control of plasma drug concentrations because underexposure may reduce
seizure suppression and overexposure may increase adverse reactions, while conventional therapeutic drug
monitoring still depends largely on delayed offline assays. This study developed a wearable electrochemical
sensing system for real-time monitoring of antiepileptic drug plasma concentrations and to support precision
medicine-oriented dose adjustment under continuous low-concentration and interference-prone body-fluid
monitoring scenarios during long-term wearable detection processes. The design also addressed delayed
sampling, signal drift, and body-fluid-to-plasma mapping limitations found in current monitoring approaches. The
system integrated a flexible three-electrode platform, microfluidic sampling channels, and a reduced graphene
oxide/gold nanoparticles/molecularly imprinted polymer functional layer. The differential pulse voltammetry
(DPV) with a multi-feature fusion regression model was used for concentration inversion and dynamic correction.
The sensor showed a linear response within 0.05 — 10 umol/L with a detection limit of 0.03 pmol/L. Under
interference-resistant conditions, the response deviation remained below 8%, and the correlation coefficient with
the standard method exceeded 0.98. These results indicated that the proposed system provided sensitive, stable,
and real-time plasma concentration monitoring, offering a feasible technical route for individualized dosing of
antiepileptic medications and clinical precision medicine applications.
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Introduction individualized epilepsy management. Existing
studies have shown that biosensor technology
Antiepileptic drug therapy depends on has gradually emerged as a promising route for
maintaining plasma concentrations within a antiepileptic drug analysis because
narrow therapeutic window because insufficient electrochemical platforms can provide high
exposure may fail to suppress seizures whereas sensitivity, rapid response, and miniaturization
excessive exposure may increase adverse potential for therapeutic monitoring [1].
reactions and reduce long-term treatment
adherence. Therefore, real-time and patient- Wearable devices have also progressed from
adaptive monitoring of antiepileptic drug plasma physiological signal acquisition to continuous
concentrations has become an important health surveillance including real-time seizure
scientific requirement in precision medicine and detection and neurological status tracking, which
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creates a technical basis for integrating drug
monitoring into body-worn systems [2]. Research
on wearable and implantable continuous drug
monitoring has further demonstrated that
miniaturized sensors can support sustained
biochemical observation in complex biological
environments, which is highly relevant to
individualized pharmacotherapy [3]. Recent work
in precision medicine has also emphasized the
role of wearable sensors in therapeutic drug
monitoring and personalized dosing, indicating a
clear trend from static measurement toward
continuous and decision-oriented monitoring [4].
In parallel, the combination of nanomaterials,
artificial intelligence, and wearable technology
has significantly improved electrochemical
biosensor performance in terms of selectivity,
signal amplification, and practical deployment,
expanding the translational value of such systems

from laboratory validation to real-world
application scenarios [5]. More broadly,
electrochemical biosensors are increasingly

regarded as an enabling nexus for precision
medicine because they support decentralized
testing, rapid biochemical feedback, and closer
coupling between diagnosis and treatment
adjustment [6]. However, several urgent issues
still restrict the practical application of wearable
antiepileptic drug monitoring. Reliable sensing of
pharmaceutical molecules in complex biofluids
remains difficult when endogenous interferents,
nonspecific adsorption, environmental
fluctuation, and matrix-induced signal distortion
jointly affect sensor output [7]. Furthermore, the
rise of wearable and implantable biosensors in
closed-loop therapeutic systems has highlighted
the growing demand for integrated platforms
that not only detect biochemical changes
continuously but also provide data robust
enough for therapeutic decision support [8]. In
the specific context of antiepileptic drug
monitoring, most existing methods still depend
on offline sampling and laboratory analysis. Real-
time tracking of drug concentration variation in
body fluids is insufficient. The stable correlation
between peripheral body-fluid signals and actual
plasma concentration has not been fully
established. The synergistic optimization of

14

sensing materials, flexible device structures,
microfluidic sampling, and signal-processing
models remain inadequate.

This study aimed to develop a wearable
electrochemical sensing system for real-time
monitoring of antiepileptic drug plasma
concentrations and to improve its applicability to
precision medicine-oriented dose adjustment.
The study adopted a combined methodological
framework involving a flexible three-electrode
platform, a microfluidic sampling structure, a
reduced graphene oxide/gold
nanoparticles/molecularly imprinted composite
functional layer for selective recognition and
signal enhancement, differential pulse
voltammetry  (DPV) for  electrochemical
acquisition, and a multi-feature fusion model for
concentration inversion and dynamic correction.
Through this integrated strategy, the work
sought to enhance sensitivity, selectivity,
stability, and quantitative reliability under low-
concentration and interference-prone body-fluid
conditions. This research provided a technically
coherent route toward continuous therapeutic
drug monitoring for epilepsy management and in

supporting the scientific development of
wearable electrochemical biosensing, closed-
loop medication support, and precision
medicine-oriented sensing systems.

Materials and methods
Electrochemical detection mechanism
Electron-transfer active groups and their

adsorption characteristics at the electrode

interface  determine their electrochemical
detectability of antiepileptic drugs.
Representative antiepileptic drugs such as

carbamazepine and lamotrigine contain aromatic
conjugated structures, amino groups, or amide
groups that can be oxidized under an applied
potential and generate characteristic
voltammetric peaks. Differences in molecular
orbital energy, polarity, and dissociation
behavior lead to variations in peak potential,
current intensity, and reaction reversibility. The
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Figure 1. Schematic diagram of mass transfer—adsorption—charge transfer mechanisms at the electrode interface.

dissociation state of small drug molecules is
affected by pH, ionic strength, and protein
adsorption, while interfacial mass-transfer
resistance weakens the effective response of free
drug molecules in biological fluids. Thus,
wearable detection must focus on targets that
have a well-defined electroactive window, low
protein-binding interference, and high interfacial
enrichment potential. Meanwhile, the electrode
materials must be able to control the local
electron density and adsorption energy to
develop better sensitivity to current response at
low-concentration conditions. In this study, the
response of the antiepileptics at the wearable
sensor interface was successively divided into
three phases including the body-fluid mass
transfer, the surface adsorption, and the electric
charge transfer (Figure 1). After the drug entered
the diffusion layer from the microfluidic channel,
it first satisfied the diffusion flux relationship as
below.

ac
J=-D% (1)

where J was the mass transfer flux per unit area.
D was the diffusion coefficient. C was the drug
concentration. x was the diffusion distance.
Molecules reaching the electrode surface
underwent further adsorption, and their
coverage was expressed as follows.
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(2)

where 6 was the surface coverage. K was the
adsorption equilibrium constant. The interfacial
charge transfer rate followed the Butler-Volmer
relationship as follows.

= e (422) e (-2

where i was the reaction current. i, was the
exchange current density. @ was the charge
transfer coefficient. n was the number of
electrons transferred. F was the Faraday
constant. 1 was the overpotential. R was the gas
constant. T was the absolute temperature. In
wearable applications, the surface roughness of
the flexible electrode and the density of active
sites in the functional layer jointly determined K
and iy, while microfluidic transport conditions
primarily affected D and the thickness of the
diffusion layer [9, 10]. Thus, to obtain a stable
and distinct voltammetric response in low
concentration body fluid environment, it was
necessary for the design of the interface kinetic
model to optimize the mass transfer path, the
adsorption enrichment capacity, and the electron
exchange rate. The wearable electrochemical
detection of antiepileptic drugs, uric acid,
ascorbic acid, lactic acid, glucose, and inorganic
ions in sweat or interstitial fluid might cause peak
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Figure 2. Schematic of the flexible three-electrode structure and functional layer distribution.

overlap, elevated background current, and
competitive interfacial adsorption, thereby
distorting the target drug signal. The selective
recognition mechanism design should center on
the principle of material screening - interface
recognition - signal discrimination. The
molecularly imprinted polymer or functionalized
nanocomposite layer should be fabricated over
the working electrode surface to further improve
the preferential enrichment of target molecules
in terms of their cavity matching and local charge
interaction. The thickness, surface polarity and
pore-size distribution of the modified layer
needed to be controlled to suppress the
macromolecular contamination and nonspecific
adsorption. DPV-based signal discrimination and

multi-parameter compensation should be
combined to improve the reliability of
concentration inversion. During continuous

monitoring, temperature, pH, and ionic-strength
compensation terms should also be introduced
to reduce the influence of body-fluid
environmental changes on selective recognition
stability and ensure reproducible inputs for
subsequent concentration inversion.
Flexible electrode and functional material
construction
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The flexible three-electrode assembly adopted a
layered structure consisting of a polyimide
substrate, conductive interconnection layer,
functional sensing layer, ion-selective protective
layer, and biocompatible encapsulation layer
(Figure 2). The substrate was fitted with thickness
of 25 um. An oxygen plasma activation period of
60 s was experienced, after which a 5 nm Ti layer
and a 120 nm Au layer were deposited to provide
the interconnections. The working electrode
diameter was set to 2.5 mm, the reference
electrode was printed Ag/AgCl, and the counter
electrode was designed as a serpentine Ag/Au
mesh to reduce stress concentration during
bending. The bending stability of conductivity
was determined below.

AR
g = ke (4)
where AR was the change in resistance. R, was
the initial resistance. k was the strain sensitivity
coefficient. € was the surface strain. By setting
the serpentine line width to 80 um and the radius
of curvature to 150 um, € was confined to the
low-strain region [11, 12]. The working electrode
functional layer was constructed in three steps
using reduced graphene oxide/gold
nanoparticles/molecularly imprinted polymer. 4
pulL of 2 mg/mL reduced graphene oxide
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Figure 3. Schematic diagram of the microfluidic sampling channel.

dispersion was spot-coated followed by the
electrodeposition of 20 — 35 nm Au nanoparticles
at a potential of -0.20 V for 180 s. The thickness
of the imprinting layer was determined below.

oM

6= (5)

nFpA

where § was the polymer layer thickness. Q was
the polymer charge. M was the polymer molar
mass. n was the number of electron transfers. F
was the Faraday constant. p was the material
density. A was the electrode area. The electro-
polymerization charge was controlled to 8 - 12
mC/cm? to allow the formation of recognition
holes without excessively blocking electron
transport. A 1.5 um porous polyurethane
protection film was applied to the outer layer to
limit the high molecular pollution and keep the
fluid diffusion flux.

Microfluidic and body fluid sampling design

A series structure of microfluidic sampling layer
comprising of a series of skin-contact inlet,
capillary-based main channel, flow-stabilizing
buffer chamber, detection chamber, waste
collection channel was incorporated and in line
with the flexible three-electrode working space
(Figure 3). Polydimethylsiloxane substrate was
applied with 200 um thick, 120 - 180 um, and
channel height of 35 - 60 um to maintain an
effective volume of the detecting chamber
between 0.8 - 1.5 uL [13]. Conical convergence
channel and a hydrophilic modified layer were
positioned on the side of the inlet whereby the
angle of contact had been regulated at 25 - 35°,
Capillary pressure differences were utilized to
drive sweat or trace amounts of interstitial fluid
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into the main channel in a directed manner with
the driving force satisfying the following.

__2ycos@

AP (6)

Teq

where AP was the capillary pressure difference.
y was the liquid surface tension. 8 was the
contact angle. 1, was the equivalent hydraulic
radius. During design, the self-driven sampling
capability was enhanced by reducing 8 and 7, to
avoid pulsation disturbances introduced by an
external pump [14]. At the end of the main
passage, a serpentine delay segment and a
micro-column array buffer chamber were
arranged to restrain the transient fluid flow
fluctuation and bubble migration. Under laminar
flow conditions, fluid transport obeys following.

wh3

Q=,-4P (7)

T 12uL

where Q was the volumetric flow rate. w was the
channel width. h was the channel height. u was
the dynamic viscosity. L was the channel length.
AP was the pressure drop along the channel. The
main channel length was set to 18 - 25 mm to
stabilize Q at 0.15 — 0.40 pL/min. The top of the
detection chamber was covered with an 8 - 12
Mm porous permeable membrane to block
keratin debris and protein aggregates. The
sampling delay was determined below.

T=¢ (@)

where T was the sample renewal time constant.
V. was the volume of the detection chamber. By



Journal of Biotech Research [ISSN: 1944-3285]

2026; 26:13-25

ensuring thatl. matched Q, the sensing interface
maintained a stable fluid exchange rate under
continuous wear conditions and reduced
concentration tailing caused by residual old
samples.

Wearable system integration and packaging

System integration took the modular
architecture whereby it consisted of sensing
patch, flexible interconnect, edge computing
unit, and wireless transmission unit. These layers
were laminated polyimide electrodes,
polydimethylsiloxane microfluidic channels, and
a medical grade pressure-sensitive adhesive to
form the sensing patch. The error of interlayer
alignment was maintained to less than 50 um,
coaxial control between the detection chamber
and the working electrode [15]. Its flexible
interconnect was based on an 18 um copper
foil/copper-clad polyimide flexible circuit board.
The width of the critical signal lines was made to
be 100 pum and 120 pm. To reduce weak current
interference due to body motion and wireless
coupling in the electrochemical front-end, a ring-
shaped ground shielding layer was added in the
electrochemical front-end. Anisotropic
conductive adhesive by laying the sensing patch
and the sensing module with an interface and
low-modulus encapsulation resin was used to
ensure that there was no mechanical failure
when bending repeatedly. The edge computing
module included a potentiostat front-end,
analog-to-digital conversion, power
management, and a Bluetooth Low Energy chip.
The constant-potential control structure of three
ops was selected with the range of bias of -0.2 -
0.8 V. The transimpedance amplifier used three-
level feedback resistors of 100 kQ, 1 MQ, 10 MQ,
which enabled it to work with different current
ranges. It used a 16-bit A/D converter with a
sampling frequency of 50 — 200 Hz. When
operated in the DPV mode, the system produced
pulse scanning signals and simultaneously
measured temperature and skin contact
impedance as a measure of system stability and
drift. The supply of power came from a 35 — 50
mAh flexible lithium-polymer battery with a
regulated output of 3.3 V, and wireless

18

transmission had a duty cycle of less than 5%. The
packaging took a heterogeneous encapsulation
scheme between fluid-permeable sensing areas
and closed electronic areas. An 8 — 12 um
polyurethane membrane that was microporous
was deposited to the sensing window to permit
selective  fluid permeation but exclude
contaminants. The electronic module had been
encased by 300 - 500 um thermoplastic
polyurethane to create a stress-relieve structure
that allowed the reduction of deformation during
attaching. The adhesive layer also had
drainage/vent holes to avoid fluid retention and
entrapping of air. The total size was managed to
35 mm x 25 mm x 3.5 mm. Sensing layer was
disposable and the electronic module could be
reused.

Electrochemical signal acquisition and feature
extraction

Electrochemical signal acquisition and feature
extraction were organized as a continuous
workflow consisting of constant-potential
excitation, transimpedance amplification,
analog-to-digital conversion, digital
preprocessing, and feature encoding. In this
workflow, the potentiostat first applied the
programmed excitation signal to the flexible
three-electrode interface. The weak oxidation
current generated by the target antiepileptic
drug was then converted into a voltage signal
through the transimpedance amplifier, digitized
by the analog-to-digital conversion module, and
subsequently processed by baseline correction,
smoothing, and noise suppression before peak-
related features were encoded for concentration
inversion. A switching mode between DPV and
time-resolved amperometry was used during
continuous monitoring with DPV being applied to
obtain the peak response of the target drug and
time-resolved amperometry being used to
monitor short-term concentration variation [16].
The differential pulse parameters were set as
step potential (Es) of 4 mV, pulse amplitude (Ep)
of 25 mV, pulse width t, of 50 ms, and scan cycle
(Tscan) between 30 — 90 s. The time current bias
potential was fixed in the vicinity of the
characteristic oxidation potential, and the
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sampling frequency was 100 Hz. The raw current
signal was converted into a discrete
sequence  i(k) after transimpedance
amplification, where k was the sample point
index. To suppress baseline drift and high-
frequency noise, a combined sliding median filter
and Savitzky-Golay smoothing method were
applied as below.

ie(k) = i(k) —ip(k) (9)

where i.(k) was the corrected current. i, (k)
was the estimated baseline current, obtained via
low-order polynomial fitting, which was used to
remove the slowly varying background
component [17]. During feature extraction, the
main characteristic vector was composed of peak
current, peak potential, peak area, peak half-
width, and local kinetic slope. The peak area was
calculated as follows.

ky

A= i (kA

k=k,

(10)

where A, was the peak area. k1 and k, were the
peak boundary indices. 4t was the sampling time
interval. This value was used to characterize the
total electrochemical response per scanning
cycle. The slope of the local rising segment was
defined as below.

S — ic(kz)_ic(kl) (11)
tkz_tkl

where S was the response slope. t;, and t,
were the corresponding time points. For the
differential pulse sequence, the peak half-width,
peak skewness, and peak position drift between
adjacent scans were further extracted to form an
extended feature set as below.

— T
x = [ly,Ep, Ap, S, Wl/z,AEp] (12)
where [, was the peak current. E;, was the peak
potential. W1/2 was the half-width. AE),, was the

peak position drift [18]. This vector was input
directly into the following concentration
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inversion model and was combined with the
simultaneous acquisition of temperature,
contact resistance, and flow rate markers to form
a multisource input matrix.
Concentration quantification model and
calibration method

Concentration quantification employed a three-
tier modeling approach consisting of segmented
calibration + multivariate regression + body fluid
correction. A standard series of 0.05 — 50 umol/L
was prepared, and calibration spectra were
acquired under temperature, pH, and ionic
strength conditions consistent with actual
detection [19]. Peak current was dominant in the
low concentration range, and combined
correction with peak and half width was
introduced in the high concentration range, so
that the single characteristic was not distorted.
The basic calibration equation was shown below.

(13)

where éf was the estimated drug concentration
in body fluid. By was the intercept term. 8; was
the weight of the j-th feature. x; was the
corresponding input feature. m was the feature
dimension. The parameter 8; was solved using
weighted least squares, assigning higher weights
to low-concentration samples to suppress the
amplification of small errors near the therapeutic
window [20]. To account for time lags and
proportional shifts between body fluid and
plasma drug concentrations, a personalized
mapping model was further established as
follows.

C,()=a,+a,C (t-7)+a,T +apH+a,Zc (14)

where C,(t) was the estimated blood drug
concentration at time t. T was the response lag
from body fluid to blood. T was skin
temperature. pH was sample pH. Zc was skin
contact impedance. a; was the correction
coefficient. During actual calibration, an in vitro
static calibration was performed followed by
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updating a; and t using a small number of paired
samples. The model training objective function
was defined as follows.

N

L= 3 (CuC) 218

i=l1

(15)

where N was the number of samples. Cy..f; was
the reference concentration. 4 was the
regularization coefficient. ||B]|5 was the
parameter penalty term. Recursive updating was
used in the on-line operating stage, which only
adjusted the intercept and environment
compensation parameters, while freezing the
major feature weighted to assure the steady
output of the model.

Signal drift compensation and anti-interference
algorithm

The drift compensation and anti-interference
algorithm was based on four steps including
condition monitor, baseline separation, dynamic
correction, and abnormal rejection. In the case of
continuous wear, the contamination of the
electrode, the regeneration of the functional
layer, the fluctuation of temperature, and the
deformation of the skin could result in the
gradual change of the baseline. The sudden
change in the rate of perspiration, the intrusion
of the air, and the contact interference appeared
as abrupt spike noise. The acquisition end
simultaneously input current sequences i(k),
temperature T(k), contact impedance Zc(k), and
sampling flow rate Q(k). The drift observation
was constructed as below.

d(k) = i(k) = irer (16)
where d(k) was the drift offset. i,,r was the
reference current extrapolated from the most
recent stable window. The stable window length
was set to 120 — 180 s to limit the inclusion of
short-period drug fluctuations in the baseline
term. State-space compensation was used for
slow-varying drift. Let the true response be s(k)
and the baseline drift be b(k), then the
observation model was written as follows.
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i(k) = s(k) + b(k) + v(k) (17)

b(k) =b(k—1) +w(k) (18)
where v(k) was the measurement noise. w(k) was
the drift state disturbance. For online estimation,
a first-order Kalman recursive update E(k) was
used as follows.

i (k) =i(k)=b ()~ 7, AT (k) - y,AZ (k) (19)

where i ., (k) was the corrected current. yr
and y, were the sensitivity coefficients for
temperature and contact resistance,
respectively. AT (k) and AZ.(k) were the offsets
relative to the calibration conditions. These
values were obtained by piecewise fitting during
the preliminary experiments and were updated
in small increments during the online phase.
Burst disturbance discrimination employed a
combination of residual threshold and local
morphology. The residual was defined as follows.
r(k) = iy (k) =3 (k) (20)
where §(k) was the local expected response
obtained by median filtering within a short
window.

(k) = oo (K= 1)
At

G(k) = "= (22)

When |r(k)| > no, and the local slope exceeded
a preset threshold, that point was marked as an
anomaly. n was set to 3.0 — 3.5. g, was the
residual standard deviation. At was the sampling
interval. Anomalous segments were
reconstructed using cubic spline interpolation,
and confidence labels were attached to the
reconstructed segments to prevent direct entry
into the concentration update phase. From the
compensated signal, the final output
characteristic vector was calculated and linked to
the regression model. The concentration update
was only triggered if the confidence level was
above the set threshold.
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Experimental setup and conditions

The sensor patch was fabricated under
cleanroom conditions using the integrated
flexible electrode and microfluidic structure
described above. During fabrication, the
polyimide film (DuPont, Wilmington, Delaware,
USA) was rinsed with ethanol and deionized
water, dried with nitrogen, treated for 60 s using
a plasma cleaner (Diener Electronic GmbH,
Ebhausen, Baden-Wirttemberg, Germany), and
coated with 5 nm Tiand 120 nm Au films using a
magnetron sputtering system (Shenyang Kejing
Auto-instrument Co., Ltd., Shenyang, Liaoning,
China) to form the three-electrode pattern. Then,
4 uL rGO dispersion (XFNANO Materials Tech Co.,
Ltd., Nanjing, Jiangsu, China) was drop-coated on
the working electrode and dried at 40°C for 30
min. Electrochemical measurements were
performed using a PalmSens4 portable
potentiostat (PalmSens BV, Houten, Utrecht,
Netherlands) and an LSP01-1C syringe pump
(Longer Precision Pump Co., Ltd., Baoding, Hebei,
China).  Carbamazepine and lamotrigine
reference standards (Aladdin Biochemical
Technology Co., Ltd., Shanghai, China) were used
as representative antiepileptic drugs. Stock
solutions were prepared first and then diluted
with pH 7.0 PBS to 0.05, 0.5, 1, 5, 10, 50, and 80
umol/L. Each solution was introduced at 0.7 — 1.0
uL/min and stabilized for 5 min before triplicate
DPV and chronocoulometry tests, followed by
interference testing, 12 h stability evaluation,
and comparison using an Agilent 1260 Infinity I
high-performance liquid chromatography (HPLC)
system (Agilent, Santa Clara, California, USA). Key
fabrication parameters were controlled during
sensor preparation to ensure stable electrode
performance and microfluidic mass transfer.
During conductive-layer preparation, the Au film
thickness was controlled at 110 — 130 nm to
reduce interfacial resistance. For rGO
modification, 3 — 5 pL of dispersion was drop-
coated to form a continuous conductive network.
Gold nanoparticle deposition was performed for
150 — 200 s to regulate particle size and
distribution. The imprinting layer was prepared
with a polymerization charge of 0.9 — 1.1 mC to
balance molecular recognition and electron

21

conduction. The microfluidic channel width and
height were maintained at 140 — 160 um and 40
— 60 um, respectively, to ensure stable laminar
flow, while the sampling flow rate was controlled
at 0.7 — 1.0 uL/min to maintain consistent mass
transfer. These parameters were used to
maintain reproducible electrode modification,
stable laminar flow, and consistent interfacial
mass transfer during subsequent electrochemical
testing.

Detection performance evaluation

Under the above experimental conditions,
antiepileptic drug standard solutions at different
concentrations were tested systematically to
evaluate sensor sensitivity, repeatability, and
linearity. Carbamazepine and lamotrigine
standard stock solutions were introduced into
the microfluidic channel, respectively. After
stabilization, DPV was performed in triplicate for
each concentration level. The peak current,
sensitivity, and relative standard deviation (RSD)
were calculated for subsequent detection-
performance analysis.

Interference resistance evaluation

To evaluate biofluid interference, uric acid,
ascorbic acid, D-glucose, and sodium lactate
(Sigma-Aldrich, St. Louis, Missouri, USA) were
used as representative interferents. The
interferent solutions were prepared using pH 7.0
PBS and mixed with 10 umol/L carbamazepine or
lamotrigine standard solution. Single-interferent
and mixed-interferent samples were introduced
into the microfluidic channel at 0.7 — 1.0 uL/min.
After 5 min stabilization, DPV measurements
were performed in triplicate using PalmSens4
portable potentiostat and LSP01-1C syringe
pump. Response deviation was calculated against
the target-drug solution without interferents.

HPLC reference comparison

To verify detection accuracy, 25 laboratory-
prepared simulated body-fluid samples were
used for comparison between the wearable
sensing system and HPLC. Carbamazepine and
lamotrigine standards were diluted with pH 7.0
PBS to prepare 25 concentration-varied spiked
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Table 1. Statistical analysis of detection performance.

Concentration (umol/L) Peak Current (uA) Sensitivity Relative standard deviation (RSD) (%)
0.05 0.23 4.6 4.2
0.5 2.12 4.24 3.7
1 4.18 4.18 3.3
5 20.1 4.02 2.9
10 39.2 3.92 2.6
50 148.6 2.97 2.3
80 181.2 2.27 2.1
samples covering 0.05 — 80 umol/L. Each sample current increased progressively with

was tested by the wearable sensor and then
filtered through a 0.22 um membrane before
HPLC analysis. HPLC measurements were
performed with a C18 column (Agilent
Technologies, Santa Clara, California, USA) at
30°C with acetonitrile/PBS as the mobile phase at
a flow rate of 1.0 mL/min, an injection volume of
10 ulL, and ultraviolet detection at the
characteristic absorption wavelength of each
analyte.

Results and discussion

Detection performance analysis

The detection performance results
demonstrated that the peak current increased
with drug concentration, rising from 0.23 pA at
0.05 umol/L to 181.2 pA at 80 umol/L. In the low
concentration range of 0.05 — 10 umol/L, the
current response showed good linearity with a
sensitivity of approximately 4.0 uA per pumol/L
and a relative standard deviation below 4%,
indicating stable and repeatable trace-level
detection. At higher concentrations, the growth
rate of the current response slowed, and the
sensitivity decreased to approximately 2.4 uA per
umol/L, which might be attributed to gradual
saturation of interfacial adsorption sites and
increased diffusion-mass transfer resistance
(Table 1). The DPV curves under different
concentrations exhibited a well-defined single
oxidation peak near 0.60 V with no obvious peak
shift (Figure 4). The result suggested that the
electrode reaction remained stable and was not
significantly affected by side reactions. The peak
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concentration, while the peak shape remained
symmetrical without obvious broadening or
distortion, indicating stable electron transport
and mass-transfer behavior of the functional
layer across the tested range.

—— 0.05 uM
& 0.5 uM
14 i — 1M
e 5uM
- 10uM

Current (pA)

0.3 04 0.5 0.6 0.7 0.8
Potential (V)

Figure 4. DPV current response curves at different concentrations.

The peak current exhibited a strong linear
relationship with drug concentration in the low-
concentration range with a correlation
coefficient above 0.995 and a detection limit of
approximately 0.03 umol/L. At higher
concentrations, the calibration curve gradually
deviated from linearity because of interfacial
adsorption-site  saturation and increased
diffusion-layer resistance (Figure 5). Overall, the

sensor demonstrated favorable quantitative
performance and dynamic response
characteristics within the clinically relevant

therapeutic concentration range.
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Figure 5. Linear detection range and fitting results.

Interference resistance and stability

The interference resistance results showed that,
under single-interferent conditions, the current
response deviation remained below 5%. The
highest deviations were observed for uric acid
and ascorbic acid at 4.6% and 4.2% respectively,
mainly because these electroactive molecules
had oxidation potential close to that of the target
drug signal. Under mixed interferent conditions,
the total response deviation was 7.5%, which was
much lower than the typical 18% deviation
observed for unmodified electrodes, indicating
that the molecularly imprinted layer provided
strong selective recognition of the target
molecules (Figure 6). The results indicated that
the imprinted layer effectively blocked
nonspecific adsorption through structural
matching and local charge screening, while its
porous structure provided mass-transfer
pathways for target molecules and improved
selectivity. The stability test showed that the
original  current  signal  decreased by
approximately 5% during 12 h of continuous
operation, whereas signal drift compensation
reduced the variation to within £2%. This result
indicated that the system maintained stable
monitoring performance under simulated
complex body-fluid and dynamic wearing
conditions.

Comparison with standard methods
The HPLC reference comparison results obtained
from 25 laboratory prepared simulated body

23

Response Change (%)
~ w N w o ~ @

-

UA GLU
Interferents

Figure 6. Response variation under conditions of coexisting
interferents.

fluid spiked samples showed good agreement
between the wearable sensing system and the
standard method. The concentrations measured
by the wearable sensor were strongly correlated
with those obtained by HPLC with a correlation
coefficient of 0.987 (Figure 7). Most data points
were distributed close to the fitted line,
indicating that the proposed system maintained
reliable quantitative consistency with the
reference  method across the tested
concentration range. Slightly higher sensor
responses at low concentrations might be
attributed to the enrichment effect of the
molecularly imprinted layer, which enhanced the
local electrochemical signal of target molecules.
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Figure 7. Correlation plot between wearable detection and the
standard method.
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The comparison results showed that most
relative errors between the two methods were
within #8%, more than 70% of the samples
showed errors below 5%, and the maximum error
was approximately 10%. The error distribution
was slightly positively biased, suggesting limited
signal amplification in the low-concentration
range. After temperature correction and
individualized calibration were introduced,
guantitative stability was improved, and the
standard deviation decreased from 6.3% to 3.9%
(Figure 8). These results indicated that the
dynamic correction model effectively reduced
deviations caused by body-fluid response delay,
environmental fluctuation, and interfacial signal
drift.
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Figure 8. Error distribution plots for the two methods.

Overall, the wearable electrochemical sensor
combining flexible electrodes, microfluidic
sampling, molecularly imprinted recognition,
multi-parameter signal acquisition, and dynamic

correction achieved sensitive plasma-
concentration-related detection under low
concentration and interference prone

conditions. The strong linear response within the
therapeutic concentration range, reproducible
current  output, controlled interference
deviation, and high consistency with the HPLC
reference method jointly demonstrated the
feasibility of the proposed sensing strategy for
real-time antiepileptic drug monitoring and
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precision medicine-oriented dose adjustment.
Nevertheless, several limitations should be
considered when interpreting these results.
Individual differences might still affect the
mapping relationship between body fluid signals
and actual plasma concentrations, and the long-
term stability and biocompatibility of the
functional layer under continuous wearing
conditions required further validation. In
addition, the coupling mechanism by which
temperature, pH, contact impedance, and
sampling flow fluctuation influence
electrochemical drift had not yet been fully
quantified. Future work should focus on
individualized calibration models, more stable
functional materials, multimodal sensing
integration, and machine learning assisted
concentration prediction, thereby improving the
robustness of wearable precision medication
monitoring and extending the system toward
simultaneous detection of multiple antiepileptic
drugs.
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