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ABSTRACT: A field-effect transistor-based cortisol sensor was demonstrated in
physiological conditions. An antibody-embedded polymer on the remote gate was
proposed to overcome the Debye length issue (λD). The sensing membrane was
made by linking poly(styrene-co-methacrylic acid) (PSMA) with anticortisol before
coating the modified polymer on the remote gate. The embedded receptor in the
polymer showed sensitivity from 10 fg/mL to 10 ng/mL for cortisol and a limit of
detection (LOD) of 1 pg/mL in 1× PBS where λD is 0.2 nm. A LOD of 1 ng/mL
was shown in lightly buffered artificial sweat. Finally, a sandwich ELISA confirmed
the antibody binding activity of antibody-embedded PSMA.
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Physiological stress is considered to be a silent contributor
to diverse diseases.1 Cortisol is a stress biomarker found in

sweat, saliva, blood, urine, and interstitial fluid.2−4 Cortisol
sensors based on sweat analysis enable the monitoring of stress
levels noninvasively. Reported physiological cortisol levels in
human perspiration ranges from 8.16 to 141.7 ng/mL.5,6

Typical cortisol quantification methods require bulky equip-
ment and several steps in determining cortisol levels.7,8

Electrical signaling of the analyte levels by field-effect-
transistor (FET) biosensors has scaled down multiple
laboratory processes to a portable chip format.9 A main
challenge for the transistor sensors, however, is posed by the
Debye screening length (λD), arising from the interaction
between the sensing surface and electrolyte10,11 when physical
lengths of antibody−antigen complexes are > λD associated
with physiological media. A common approach to address λD is
to mix the analyte in body fluid with diluted phosphate-buffered
saline (PBS) solution, increasing λD.

12 Alternatively, capture-
release methods can be applied. In this method, a body fluid is
placed on a sensor surface first, resulting in the analyte binding
to a surface receptor, after the original solution is replaced with
diluted PBS to read the binding signal,13 complicating the
procedure in clinical setups.
There have been many attempts to employ polymers and

organic materials to FET sensors because of their intrinsic
flexibility and easy fabrication processes.14−17 A big technical
challenge in organic FET (OFET) sensors, however, is
instability of the materials under solution-based testing, leading

to low sensitivity and selectivity of sensors, compared to
inorganic FET sensors.9 To be specific, water on the dielectrics
of OFET biosensors diffuses into the organic semiconducting
layer and degrades the innate semiconducting properties. The
extended gate (EG) geometry18 separating the sensing part
from the FET transducer is highly desirable for OFET
biosensors. This EG geometric not only protects the organic
semiconductor from damage by solution but also harnesses the
aforementioned advantages of organic/polymer materials on
sensor platforms.19−21 Alternatively, the OFET transducer can
be replaced with inorganic FETs that have much higher
stability, while the sensing platform adopts a polymer
membrane in the EG geometric in order to avoid any intrinsic
instability of OFET such as bias stress effects and signal drifts
induced by light.27

In this study, we demonstrate label-free detection of cortisol
in buffer and artificial perspiration by employing antibody-
embedded poly(styrene-co-methacrylic acid) (PSMA) sensing
gate. The embedded structure of the receptor in the polymer
allowed cortisol molecules to bind near the membrane−
substrate interface, which overcomes the λD issues. Sensitivity
for cortisol was obtained in a range from 10 fg/mL to 10 ng/
mL with the more rigorous limit of detection (LOD) of 1 pg/
mL in 1× PBS. The sensing performance of antibody-
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embedded PSMA was compared with the performance of the
conventional way to functionalize an antibody on the surface of
PSMA. We term the antibody-embedded PSMA and antibody-
surface-functionalized PSMA as antiem PSMA and antisuf
PSMA, respectively. We detected cortisol in lightly buffered
artificial sweat with a LOD of 1 ng/mL, and sandwich enzyme-
linked immunosorbent assay (ELISA) was performed to
confirm the activity of antiem PSMA.
Our measurement system allowed the acquisition of two

different electrical signals at the same time from two different
sensing gates, as shown in Figures 1a and S1. One of the two

sensing gates was monitored as a control setup. Indium−tin
oxide (ITO)/poly(ethylene terephthalate) substrate was
chosen as the starting material of EG to demonstrate the
sensing performance on flexible materials. Any change in the
electrical signal on the sensing surface was transmitted to the
gate of each FET.22,23 The transfer curves and output
characteristics of a commercial FET were evaluated and are
presented in Figure S2 (subthreshold swing, 136 mV/dec;
threshold voltage, 1.3 V). Trivial negative drift (−15 uV/min)
in the repeated transfer curves was observed from intrinsic FET
effects (Figure S3).

Figure 1. (a) Schematic image of the measurement system. Two different remote sensing gates were coupled to the gate of each commercial FET.
(b) Representative transfer curves of FET with the remote PSMA membrane with changing pH values. The inset figure shows ΔVR versus pH values
from an aggregate of five transfer curves. (c) Hysteresis measured through a pH loop of pH 7−4−7−10−7.

Figure 2. (a) Representative transfer curves of antisuf PSMA versus cortisol concentration in 0.05× PBS. Inset: Close-up transfer curves. (b) ΔVR
response of antisuf PSMA in terms of cortisol and 17-α-HPG concentrations in 0.05× PBS. The ΔVR response of cortisol on bare PSMA is
compared. Mean ΔVR increase by 0.3% for every 10-fold increase in the cortisol concentration for five samples. Random signals for cortisol were
observed in the bare PSMA for four samples. Also, no sensitivity for 17-α-HPG is obtained by antisuf PSMA for three samples. (c) ΔVR of antisuf
PSMA versus different concentrations of cortisol in a 1× PBS solution over three samples. (d) Drift rate of antisuf PSMA measured in 1× and 0.05×
PBS by repeating the transfer curve for 50 min after stabilization. In both cases, the drift had a negative slope.
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The transfer curve had a horizontal shift with increasing pH
(Figure 1b), yielding an average sensitivity of 33 mV/pH with a
linearity of 97.7% (inset of Figure 1b). Responsive voltages
(VR) were extracted using gate voltages corresponding to a
reference drain current (IR) of 1 μA, and the pH sensitivity was
calculated as the slope of the VR versus pH values. VR at pH 7
was used as a reference value to calculate ΔVR in the inset of
Figure 1b. Hysteresis was tested by a rapid pH loop of pH 7−
4−7−10−7, which showed a reversible tendency with changing
pH values (Figure 1c). The difference between the initial and
final VR values of pH 7 was 14 mV.
Shifts in the transfer curve while switching voltages for

different concentrations of cortisol indicate the cortisol
sensitivity from antisuf PSMA (Figure 2a). Close-up transfer
curves are shown in the inset of Figure 2a. No significant
hysteresis by double sweeps is observed in the transfer curves.
IR of 1 μA is consistently used to calculate VR for all of the
following plots. The change in VR was calculated with respect to
VBase, where VBase is VR of the pure 0.05× PBS. Figure 2b shows
ΔVR for cortisol ranging from 1 fg/mL to 10 ng/mL, tested by
antisuf PSMA and bare PSMA in diluted 0.05× PBS to increase
λD. The representative properties of bare PSMA for cortisol are
shown in Figure S4. Also, ΔVR values for 17-α-hydroxyproges-
terone (17-α-HPG), a biochemical precursor of cortisol, are
compared in Figure 2b, and typical sensing properties are
shown in Figure S5. 17-α-HPG was chosen for our specificity
tests because it has a structure and size similar to those of
cortisol.24 The anticortisol and cortisol complexes impose a

negative net charge on the sensing membrane. Mean ΔVR
values for experimental samples increase linearly by 0.3% with
an R2 value of 97.5%, ranging from 1 fg/mL to 10 ng/mL.
Random signals are observed for two control setups: adding the
same cortisol solutions to the sensing gate without any
anticortisol surface functionalization and adding the same 17-
α-HPG concentrations with antisuf PSMA. The LOD is
obtained at the lowest concentration that can be clearly
distinguished from a maximum fluctuation by any control
sample, which is estimated as 1 pg/mL. No sensitivity for
cortisol is shown in repeated tests of experimental samples
except in 1× PBS, where λD is 0.2 nm. A negative slope is
observed for increasing cortisol concentrations (Figures 2c and
S6), corresponding to the drift properties of antisuf PSMA
(Figure 2d) with PBS solutions (−0.1%/min and −0.3%/min
in 1× PBS and 0.05× PBS, respectively). Thus, the sensing
ability of a surface-functionalized membrane was limited by λD
of the media.
A presumed schematic image of the antibody-embedded

geometry in the PSMA polymer matrix is depicted in Figure 3a.
Representative transfer curves of the FET-coupled antiem
PSMA are shown in Figure 3b. Figure 3c demonstrates ΔVR for
cortisol and 17-α-HPG from 1 fg/mL to 10 ng/mL measured
by antiem PSMA in 1× PBS. The change in VR was calculated
with respect to VBase, where VBase is VR of the pure 1× PBS. No
definite trend for 17-α-HPG was observed (Figures 3c and S7).
In a comparison of the control samples, the sensitivity of
antiem PSMA for cortisol in 1× PBS appears from 10 fg/mL

Figure 3. (a) Presumed schematic image of antibody-embedded geometric in the PSMA polymer matrix. (b) Representative transfer curves of
antiem PSMA versus cortisol concentration in 1× PBS. Inset: Close-up transfer curves. (c) ΔVR response of antiem PSMA in terms of the cortisol
and 17-α-HPG concentration VR in a 1× PBS solution. ΔVR increases by 0.3% with increasing cortisol over eight samples of antiem PSMA. Random
signal in terms of 17-α-HPG over four samples of antiem PSMA. (d) Drift properties of antiem PSMA in 1× PBS over 50 min after stabilization. A
negative slope was obtained like that of Figure 2d. (e) Cortisol sensitivity of antiem PSMA as a function of days stored, in a range of cortisol from 10
pg/mL to 10 ng/mL (10 and 6 samples for immediate and stored samples, respectively). Random signals appeared for six samples 2 days after
storage. (f) Cortisol sensitivity of antiem PSMA in artificial sweat with pH 7.4 in a range from 1 fg/mL to 100 μg/mL for five samples. 10% 1× PBS
was added to the artificial sweat. Three other samples gave little or no response.
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and mean ΔVR values increase linearly by 0.3% with a R2 value
of 94.6%, similar to those of antisuf PSMA, and LOD is
estimated as 1 pg/mL. The antibody embedded in the polymer
matrix leads to the detection of charge variations much closer
to the membrane−substrate interface, reducing the λD
constraint on the sensing signal. Antiem PSMA had a negative
drift (Figure 3d), which is in accordance with the antisuf PSMA
result of Figure 2d. The sensitivity of antiem PSMA was
maintained up to 1.7 days at 4 °C, with a large standard
deviation. However, the device sensitivity degraded after 2 days
or more and showed random signals with lower R2,
corresponding to the previously described nonresponsive
control experiments.
pH values in human sweat vary from pH 2 to 8.2.25

Therefore, pH 7.4 of the artificial sweat was chosen for our
sweat tests in compliance with the conditions performed above.
10% 1× PBS was added to the artificial sweat as a buffer against
changing the pH of the media to avoid any interference of the
signal from background media pH.26,27 While reproducible
detection of cortisol in artificial sweat apparently requires
greater sample quality control than that from simple buffers,
five samples out of a total of eight showed a linear response for
cortisol in artificial sweat with pH 7.4, in a range from 1 fg/mL
to 100 μg/mL (Figures 3f and S8). The approximated LOD
considering the maximum fluctuation in Figure 3c is 1 ng/mL.
The change in VR was calculated with respect to VBase of
artificial sweat including 10% 1× PBS. ΔVR increases by 0.2%
for every 10-fold increase in the cortisol concentration, which is
smaller than those shown in the PBS solution. One possible
reason is that sweat has more salts, and the resulting Debye
screening effect would be exponentially larger.
It is noted that the yield to show sensitivity is highly reduced

for pure artificial sweat tests without adding 10% 1× PBS (two
samples out of a total of eight), as shown in Figure S9. In the
same context, none of the samples in sweat with pH 4.5 showed
sensitivity even after they were diluted by 1× PBS to 5% and
10% because it was still not in the controlled pH regime of
background media (Figure S10). The sensing mechanism of
FET biosensors based on varying isoelectric points causes pH
levels to fluctuate in the media, often leading to a different
charge distribution on the surface even though the sensors
detect the same analyte.12 This leads to a situation where the
various pH levels have different or no sensitivity for the same
biomarker, which is another major challenge in clinical
applications of FET biosensors aside from λD issues.26,27

Capture−release methods mentioned in the introduction can

address this issue. Another way is to highly dilute physiological
sweat with a reference buffer solution to reach the controlled
pH regime. In this case, a higher sensing capacity would be
required to detect lower cortisol concentrations in the highly
diluted solution. Detecting analyte in physiological sweat is still
challenging, but our antiem PSMA shows a way to overcome λD
constraints.
To observe the specific binding on our platform more

directly, a standard sandwich ELISA procedure was conducted
using fluorescein isothiocyanate (FITC)-conjugated antibodies
on antisuf PSMA (Figure 4a). Higher fluorescence intensity
(FI) was observed for the standard sandwich ELISA with an
antibody−antigen−fluorescein complex. However, lower FI was
shown for the control samples with a sandwich ELISA
excluding cortisol and primary antibody. Similarly, a standard
sandwich ELISA with an antiem PSMA−antigen−fluorescein
complex (Figure 4b) showed higher FI than those of control
samples excluding cortisol and replacing cortisol with 17-α
HPG for selectivity testing. This confirms that there is
significant specificity of binding and that the anticortisol
protein remains active in antiem PSMA although the
orientation of the antibody inside the PSMA polymer may be
random. We estimated that around 1.5% of the antibodies
added to the antiem PSMA mixture was active based on the
ELISA data (Figure S11). While nonspecific binding was also
observed, this is in a step that is not part of the electronic
sensing procedure.
We demonstrated the electrical detection of cortisol using

polymers on a remote flexible gate platform coupled with a
commercial FET that is highly sensitive, specific, and
disposable. To the best of our knowledge, this is the first
demonstration of FET-based cortisol sensing. Antiem PSMA
showed the sensitivity from 10 fg/mL to 10 ng/mL in 1× PBS,
while clear selectivity was shown from 1 pg/mL. In our sweat
tests, antiem PSMA showed the potential to overcome the λD
constraint showing a LOD of 1 ng/mL in lightly buffered
artificial sweat. The specificity of antiem PSMA was also
demonstrated by ELISA. This technique increases the
possibility of detecting cortisol in saliva or sweat using
transistor biosensors in clinical settings.
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Figure 4. (a) FI of FITC-labeled antisuf PSMA via standard ELISA. Control setups without the addition of cortisol and without the addition of a
primary antibody from procedures in step 4a were compared. (b) FI of FITC-labeled antiem PSMA. Control setups without the addition of cortisol
and adding 17-α HPG instead of cortisol from procedures in step 4b were compared.
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Experimental details, basic electric characteristics of FET,
transfer curve responses (bare PSMA vs cortisol, antisuf
PSMA vs cortisol, and antiem PSMA vs 17-α-HPG),
transfer-curve responses of antiem PSMA for cortisol in
sweat, and ELISA details (PDF)
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