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1. Introduction

Wound care is an important medical treat-
ment: if neglected, it may slow down or 
hamper the healing process[1,2] and possibly 
lead to serious complications.[3] Advanced 
wound care technologies envision the 
acquisition and communication of data 
about the wound status directly from the 
patient home through smart bandages. A 
slower wound healing process can arise 
from a variety of endogenous or exogenous 
factors, including bacterial infections. 
During the healing process of a wound, 
exogenous bacteria and/or the ones who 
normally belong to the skin microbiota 
(e.g., Staphylococcus aureus, Escherichia coli, 
Pseudomonas aeruginosa) can reach the 
underlying tissues and proliferate, causing 
a prolonged inflammation which, in the 
worst case, leads to a chronic status of 
the wound.[4] Smart bandages have been 
developed to monitor generic physiological 
indicators such as pH,[5,6] temperature,[7,8] 

oxygen,[9] or moisture level.[10] Other indicators of wound infec-
tions and healing processes are variations of the level of metal-
loproteinases,[11] cytokines,[12] and uric acid (UA).[13] The latter, 
in the form of urate, is present in wound exudate in concentra-
tions varying between 220 and 750 × 10–6 m.[14] The human body  
cannot catabolize UA since it lacks a specific enzyme and UA is 
physiologically eliminated through urine. As a consequence of bad 
nutrition and metabolic disorders[15,16] or diseases like cancer[17] 
or diabetes,[18] UA levels in bodily fluids can increase leading  
to gout[19,20] and urate crystals precipitation in joints, kidney, 
and other tissues.[19] On the contrary, some bacteria, such as 
P. aeruginosa, can specifically metabolize UA[13,21,22] with subse-
quent decrease of its concentration in the wound exudate below 
200 × 10–6 m. As a result, the UA level in skin wound can be 
monitored as an effective marker of bacterial infection.

Label-free biosensors based on organic (semi-) conductive poly-
mers may represent ideal devices to be interfaced with wound 
environment: they detect complex biological signals in aqueous 
media and translate them into an electronic output; they are oper-
ated at low voltages and require low power sources and they can 
be fabricated into flexible materials[23–25] with large-area tech-
niques such as screen printing[26–29] and inkjet printing[30] on low-
cost substrates (paper, plastic foils, textiles). Moreover, they can 
be manufactured as impalpable patches adhering on the skin to 
record physiological signals.[31–33]

Low-cost, minimally invasive sensors able to provide real-time monitoring 
of wound infection can enable the optimization of healthcare resources in 
chronic wounds management. Here, a novel printed organic electrochemical 
transistors (OECT) biosensor for monitoring uric acid (UA), a bacterial infec-
tion biomarker in wounds, is demonstrated in artificial wound exudate. The 
sensor exploits the enzymatic conversion of UA to 5-hydroxyisourate, catalyzed 
by Uricase entrapped in a dual-ionic-layer hydrogel membrane casted onto the 
gate. The sensor response is based on the catalytic oxidation of the hydrogen 
peroxide, generated as part of the Uricase regeneration process, at the Pt modi-
fied gate. The proposed dual membrane avoids the occurrence of nonspecific 
faradic reactions as, for example, the direct oxidation of UA or other electroac-
tive molecules that would introduce a potentially false negative response. The 
biosensor is robust and its response is reproducible both in phosphate buffer 
saline and in complex solutions mimicking the wound exudate. The sensor has 
a high sensitivity in the range encompassing the pathological levels of UA in 
wounds (<200 μm) exhibiting a limit of detection of 4.5 μm in artificial wound 
exudate. All these characteristics make this OECT-based biosensor attractive 
for wound monitoring interfaced to the patient.
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Biosensors based on organic electrochemical transistors 
(OECTs) biosensors are particularly appealing for those applica-
tions that, while not requiring ultra-low limits of detection, ben-
efit from other features offered by this architecture, such as easy 
integration with readout circuits, stability, and the possibility of 
controlling the dynamic range through device design. OECTs 
were already demonstrated for detection of metabolites[34–36] in 
complex media, cytokines,[37] and neurotransmitters.[38,39] When 
operated in the so-called faradic mode, OECTs exploit a redox 
reaction taking place at the gate, similarly to what happens in 
electrochemical amperometric sensors. Nevertheless, the OECT 
architecture provides amplification of the faradic current, thus 
enabling higher sensitivity.[40] Moreover, the readout electronics 
for OECTs are simpler and less expensive than the potentiostats 
necessary to drive amperometric sensors.[41]

The present work demonstrates a low-cost and disposable 
printed OECT sensor for UA detection in complex solutions 
mimicking wound exudate. The OECT-based sensors are screen 
printed on flexible PET (polyethylene terephthalate) foil,[42] fea-
turing poly(3,4-ethyl-enedioxythiophene):poly(styrenesulfonate) 
PEDOT:PSS as the conducting polymer for the channel and 
amorphous carbon as the gate electrode. Amorphous carbon is 
a suitable material for the gate electrode since it is cost effective, 
its printing process is well established, and it can be employed 
as a substrate for further modification via electrochemical 
deposition of metals, such as platinum,[43] or gold.[44] Previous 
works have demonstrated the possibility of coupling transistors 
operating in liquid (in particular graphene-FET) to enzymes, to 
obtain biosensors selective for neurotransmitters,[45–47] drugs,[46] 
or biomarkers.[48,49]

Our approach for UA detection is based on the catalytic 
activity of the enzyme Urate oxidase (UOx, also known as 
Uricase) that ultimately produces hydrogen peroxide. One of 

the innovative features of our device architecture with respect 
to previously reported detection of UA with OECT[23] is the 
architecture of the sensing element, composed by two layers of 
hydrogels integrated on top of the gate electrode surface. The 
two hydrogel layers consist of a polycation and a polyanion 
network, one on top of the other. Their function is to create a 
charge-selective barrier that prevents the flow of charged mole-
cules to the gate electrode, suppressing in this way parasitic 
Faradic reactions due to the oxidation of electroactive molecules 
present in the measuring medium. Such functionalization is 
aimed to allow only hydrogen peroxide to diffuse to the gate, 
where it can be oxidized to oxygen, thus ensuring the specificity 
of the sensor response. The dynamic range observed spans 
both the pathological and physiological UA levels in wounds 
and exhibits robust response also in complex media of medical 
relevance. This device architecture, which is simple to manufac-
ture and to scale up into high throughput production, may rep-
resent a disposable and easy to use solution to be integrated in 
adhesive strips or bandages for advanced wound care systems.

2. Results and Discussion

The device layout exhibits a planar geometry with all-printed 
amorphous carbon gate, source and drain electrodes, the latter 
bridged by a printed channel made of PEDOT:PSS conducting 
polymer (Figure 1A). In order to enhance gate modulation capa-
bility and catalyze the oxidation of hydrogen peroxide within 
the 0–1  V potential range, a Pt layer was electrodeposited on 
the gate[50] (Figure S1A, Supporting Information). In 50 × 10–3 m 
phosphate buffer saline (PBS), the carbon gate exhibits no oxi-
dation processes below 1 V,[44] also in the presence of the Pt 
layer (Figure S1B, Supporting Information). Both the transfer 

Figure 1. OECT fabrication and functionalization. A) Screen printing apparatus and printed OECT on PET foil. B) Steps for the gate functionalization 
(from left to right): i→ii Platinum electrochemical deposition, ii→iii drop casting of gelatin B (grey), and iii→iv drop casting of gelatin A (orange) 
cross-linked with Uricase enzymes.

Adv. Mater. Interfaces 2020, 2001218



www.advancedsciencenews.com

© 2020 Wiley-VCH GmbH2001218 (3 of 7)

www.advmatinterfaces.de

characteristics (IDS versus VGS at constant VDS) and the output 
curves (IDS versus VDS at constant VGS) show that, at variance 
with what can be achieved with the C gate, the C/Pt gate can 
lead to drain current modulation as expected from a depletion-
mode OECT. The gate electrode was further modified to enable 
enzyme immobilization and enhance sensor selectivity: a nega-
tively charged gelatin B layer is deposited onto the platinized 
gate electrode and subsequently a positively charged gelatin A 
layer, with cross-linked Uricase, is deposited on the gelatin B 
membrane (Figure 1B). Gelatin A and B are natural hydrogels 
derived from porcine skin; they are biocompatible and provide 
a robust environment for enzymes.[29,51–54] The use of gelatin 
represents a valuable functionalization strategy for wound-
monitoring biosensors, as they were already used for wound 
patches and scaffolds.[55–57] The gelatin A layer is permeable to 
UA and therefore allows it to reach Uricase, which catalyzes its 
oxidation to 5-hydroxyisourate that finally spontaneously con-
verts into allantoin (Figure 2A).[58] The gelatin A layer, formed 
by a positively charged polymeric network with mobile anions 
to balance its charge, also enhances selectivity by hindering dif-
fusion of cations to the gate.

The enzyme returns to its resting state through the reduc-
tion of molecular oxygen to H2O2, which is then oxidized at the 
platinum layer (Figure 2A).

The gelatin B layer, sandwiched between the electrodepos-
ited Pt and gelatin A, is instead formed by a negatively charged 

network with mobile countercations; as a consequence, its role is 
to hinder diffusion of anionic electroactive species to the gate, 
which could provide potential Faradic response. The gate func-
tionalization strategy does not affect the electrical behavior of 
the OECT; as reported in Figure S2, Supporting Information, 
the leakage current IGS is almost three orders of magnitude 
lower than the current in the channel IDS.

Our sensing strategy therefore relies on the indirect quan-
tification of UA through oxidation of hydrogen peroxide. 
Before constructing a dose curve of our device to UA, we first 
performed a series of control experiments, in the absence 
of Uricase, to assess the effectiveness of the dual-ionic-layer 
hydrogel in allowing H2O2 diffusion while preventing UA from 
reaching the gate.

We quantify the sensor response as the signal S, corre-
sponding to the current variation normalized to the current in 
the absence of analyte, that is, S = ΔI/I = −(IUA − I0)/I0, where 
IUA and I0 are the drain current values at a finite molar con-
centration [UA] and at [UA] = 0 m, respectively. Normaliza-
tion to the initial current is an effective strategy to minimize 
device-to-device variations, widely used in organic electronic 
biosensing.[34]

Figure 2B shows the normalized current variation as a func-
tion of [UA] for OECT gated by a C gate with an electrodepos-
ited Pt layer only (C/Pt) or further modified by gelatin B and 
A hydrogels (C/Pt/GelB/GelA) with black and blue dots, 

Figure 2. Functionalization strategy. A) Top: Functionalized gate presenting a platinum layer on top of the carbon printed gate enzyme (the cartoon 
representation is not on scale). Bottom: the reactions involved in the enzymatic detection of UA. B) Normalized current variation at fixed VGS = 0.5 V, 
as a function of [UA] for OECT gated by a bare platinum gate (C/Pt, black dots) and at a Platinum gate further functionalized gate with Gelatin A and 
B (C/Pt/GelB/GelA, blue dots). C) Normalized current variation as a function of [H2O2] for OECT gated by C/Pt (black dots) and by C/Pt/GelB/GelA 
(red dots) electrodes.
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respectively. It is apparent that UA can be electrochemically 
oxidized at the C/Pt gate, leading to a drain current decrease, 
while the drain current variation is negligible for C/Pt/GelB/
GelA gated OECT, indicating that direct oxidation of UA at the 
latter gate is impaired by the two-layer-hydrogel. It is therefore 
likely that diffusion of other negatively charged species, which 
could be oxidized in the same potential range at the gate, will be 
prevented by gelatin B. Figure 2C depicts the normalized cur-
rent changes of OECTs gated by C/Pt and C/Pt/GelB/GelA elec-
trodes as a function of [H2O2]: a similar response is obtained 
in the absence (black circles) and presence (red circles) of the 
two gelatin layers, suggesting that the dual-ionic-layer hydrogel 
does not hinder diffusion of hydrogen peroxide to the gate, a 
necessary requisite for our sensing scheme.

We then turned to the detection of UA through quantifica-
tion of H2O2 produced in relation to the enzymatic conver-
sion of UA to 5-hydroxyisourate. Since chitosan has been 
widely reported as a biocompatible matrix to entrap the 
enzymes,[34,59–61] its application, in replacement of gelatin A, in 
the dual biopolymer hydrogel was tested. Devices featuring the 
Uricase, entrapped either in gelatin A (C/Pt/GelB/GelA+UOx) 
either in chitosan (C/Pt/GelB/Chit+UOx) were manufactured 
and their performances compared. For both OECTs, we meas-
ured the real-time response to increasing concentration of UA 
in PBS (Figure 3A and Figure S3, Supporting Information), 
operating the transistor at constant biases applied at the gate 
(VGS = +0.5 V) and at the channel (VSD = −0.4 V), since these 
potential values guarantee high transconductance and there-
fore the maximum signal amplification[62] (Figure S3, Sup-
porting Information). We noticed that, for each investigated 
[UA], measurements performed with the Gelatin layers (i.e., 
for devices gated by C/Pt/GelB/GelA+UOx) reached the steady 
state response faster when compared to the chitosan function-
alization method (Figure S3, Supporting Information).

We hypothesized that the slower response from the C/Pt/
GelB/Chit+UOx-based OECT might be due to the extended 
hydrogen bond network within crosslinked chitosan that might 
slow down diffusion of H2O2 toward the gate. While gelatin is a 
mixture of proteins, chitosan is a polysaccharide, and more pre-
cisely a random copolymer of beta(1-4)-linked D-glucosamine 

and N-acetyl-d-glucosamine, thus comprising a high number 
hydroxyl and amine residues. Moreover, gelatin layers are 
charged around neutral pH (negatively or positively charged, 
depending on the curing process), while chitosan is uncharged, 
and this may favor its collapse to an insoluble layer.[63] Last, the 
expected average molecular mass (MM) of the gelatin used in 
this study ranged from 50 to 100 kDa, while for range for the 
low molecular weight chitosan ranged from 50 to 190 kDa. This 
difference might impact the layer viscosity and therefore the 
diffusion properties of molecules within the hydrogel.

Therefore, we relied on the functionalization strategy based 
on the gelatin A/gelatin B hydrogels to perform multiple experi-
ments to increase the data statistics. For each IDS versus time 
measurement (Figure 3A), we extracted the sensor response S, 
expressed as the normalized drain current change, as previously 
described, for UA concentrations ranging from 10 × 10–6 m to 
1 × 10–3 m, and we averaged the results obtained with four inde-
pendent measurements to construct the dose curve in Figure 3B.

The response increases monotonically in the investigated 
concentration range and tends to saturate for [UA] approaching 
the millimolar range; the estimated limit of detection (LOD) is 
10.5 × 10–6 m. Most notably, the sensor can quantify UA levels 
both in the physiological (green box) and in pathological range 
(red box), the latter associated with lower [UA] values typically 
found in wounds infected by bacteria.[13]

The working principle of electrolyte gated organic transistors, 
and in particular of OECT based biosensor, is yet to be fully elu-
cidated. Our interpretation of the device response to H2O2 (either 
produced by Uricase or directly added to the electrolyte solution 
as in the aforementioned control experiments) can be depicted 
as follows. During non-Faradic OECT operational regime, a posi-
tive bias is applied to the gate electrode, forcing cations, present 
in the electrolyte, to drift into the porous PEDOT:PSS channel, 
thus lowering the channel conductivity (dedoping). Conversely, 
here, in the presence of UA and Uricase, the OECT works in the 
Faradic regime: H2O2 oxidation takes place at the gate and might 
lead to concomitant reduction of PEDOT, with accompanying 
penetration of cations in the semiconductor channel, resulting 
in a decrease of the drain current.[38,44] Alternatively, the working 
principle underlying the operation of OECTs as enzyme-based 

Figure 3. Uric acid detection in complex media. A) Real-time drain current changes at increasing uric acid concentrations in PBS buffer. B) Normalized 
current change (signal S = − (IUA − I0)/I0,)) in PBS (black dots) and in artificial wound exudate (violet dots) as a function of [UA]. Error bars represent 
the standard error from four measurements. The inset shows the derivative of the signal S in PBS and in artificial wound exudate as black and violet 
curves, respectively. Pathological and physiological levels are marked as red and green boxes, respectively.
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biosensors has been previously described[64] in terms of increased 
electrolyte potential caused by an increase in H2O2 concentration 
through the Nernst equation, resulting in a more positive effec-
tive gate potential, which impacts on the cation drift in the porous 
PEDOT:PSS channel and thus decreases the drain current.[65–67]

To mimic the complex environment of an infected wound, 
we performed measurements in an aqueous solution serving 
as artificial wound exudate,[14] the composition of which can be 
found in the Experimental Section. We first assessed whether the 
C/Pt/GelB/GelA+UOx-gated OECTs could be operated even in 
such a more complex medium: as witnessed by the transfer and 
output characteristics in Figure S4, Supporting Information, cur-
rent modulation in the same voltage range can still be achieved, 
and this result indicates that our OECTs are robust enough to 
withstand operation also in complex media, such as an artificial 
biological fluid. Nevertheless, differences in the electrical perfor-
mances of the device when switching from operation in PBS to 
artificial exudate can be observed this finding might indicate that 
the device is somehow sensitive to the nature of the matrix, likely 
due to changes in the double layer capacitance as the ionic com-
position of the medium is altered.

We then performed multiple real-time measurements in arti-
ficial wound exudate solutions spiked with UA in the same [UA] 
range that was previously explored in PBS. A typical IDS versus 
time response to increasing [UA] values in artificial wound 
exudate, provided in Figure S5, Supporting Information, indi-
cates that the biosensor can be used to detect increasing UA 
concentration, even in an environment mimicking a biological 
milieu. The dose curve in the artificial wound exudate is pro-
vided in Figure  3B: the biosensor response closely parallels 
the one obtained in PBS and the calculated LOD is as low as  
4.5 × 10–6 m in the artificial wound exudate. The derivative of the 
dose-curve response shows that our sensor exhibits the highest 
sensitivity below 200 × 10–6 m, namely, in the pathological 
region (red box), and lower sensitivity in the physiological range  
(200–700 × 10–6 m, green box). The device response plotted against 
the logarithm of [UA] is reported in Figure S6, Supporting Infor-
mation, for both PBS and artificial wound exudate, and in both 
cases shows a linear trend in the 50 × 10–6 m to 1 × 10–3 m range.

3. Conclusion

We reported a printed UA biosensor based on OECT architec-
ture, which exploits a biocompatible dual layer functionaliza-
tion strategy to both immobilize the selective biorecognition 
element and to hinder parasitic reactions from charged inter-
fering compounds. We demonstrated that our OECT-based 
biosensor can operate in artificial biological fluids, still main-
taining similar sensitivity as for model solutions like PBS 
buffer. In addition, the OECT biosensor based on porcine-skin 
derived gelatin shows a faster response when compared to 
other substrates often used for enzyme entrapping. The device 
architecture and performance make the demonstrated device 
particularly attractive for wound infection monitoring. In view 
of future system integrations, these biosensors can be further 
engineered and coupled with devices for the local delivery of 
antibiotics, thus realizing a closed loop system loco-regional 
approach for wound care.

Moreover, the different electrical response upon switching 
from PBS to the artificial wound exudate might open to the 
possibility to monitor changes in the levels of polyelectrolytes 
in complex samples besides monitoring the specific response 
enabled by the presence of the biorecognition unit, possibly 
disentangling the response of redox active species (Faradic) 
from that of other compounds (non-Faradic) through the use 
of multivariate analysis, although this falls beyond the scope of 
the present paper. Eventually, the gate modification by a bipolar 
membrane (a cation- and an anion-selective membrane in con-
tact with one another, as described in the present work) could 
be further exploited by getting inspiration from the ion bipolar 
membrane diodes architecture,[68] which is also based on a 
stack of a cation- and anion-exchange membranes and that was 
successfully demonstrated as logic element and integrated with 
electrochromic display.[69]

4. Experimental Section
Device Fabrication: OECTs were manufactured by screen-printing 

technique. As substrate was used a 125  µm thick PET foil, thermally 
treated (45 min at 140 °C) to confer more resistance to deformation by 
subsequent curing steps. Conductive tracks were printed using an Ag ink 
(Ag5000, DuPont, UK), whereas carbon contact pads and the gate were 
printed using a commercial carbon ink (C2130307DI, Gwent, UK). The 
organic semiconductor was printed in the channel using a commercial 
PEDOT: PSS ink (CleviosTM SV3, Heraeus Group, Germany). As the final 
step, the printed OECTs were coated with a dielectric layer (5018, DuPont, 
UK) leaving uncovered the gate and channel areas and the connecting 
pads. Devices were printed using a semi-automatic screen printer (DEK 
Horizon 03i printer, ASM Assembly Systems GmbH, Germany). Both the 
channel and the gate exposed areas measure 4 mm2.

Device Functionalization: A potassium hexachloroplatinate 
(K2PtCl6, Sigma Aldrich) 10  × 10–3 m solution in H2SO4 0.5 m was 
used, as platinum source, to modify the OECT carbon electrode. The 
electrodeposition was performed at a fixed voltage of −0.5 V with a 
potentiostat (CH Instrument Potentiostat 760c model), using a micro 
Ag/AgCl reference electrode (Elbatech, Livorno Italy) and a platinum 
wire as the counter electrode. The negatively charged layer was made 
of Gelatin from porcine skin (gel strength 300, type-B, Sigma Aldrich). 
Gelatin type B aqueous solution was prepared from dissolving dried 
gelatin in 50 × 10–3 m PBS at 60 °C for 1 h. The final gelatin layer on the 
gate electrode was obtained from a 3 µL drop of gelatin solution (3.5%) 
crosslinked with 1% v/v glutaraldehyde. The device was then stored at  
4 °C for 24 h. A second layer of gelatin was then drop cast on the device. 
Uricase enzyme from Bacillus fastidiosus is immobilized in a gelatin 
type-A (Sigma Aldrich), positively charged at physiologic pH, with 
glutaraldehyde as the crosslinking agent. A 6 µL drop of 1% gelatin type 
A PBS solution, 1.7 mg mL−1 enzyme TRIS buffer solution, and 1% v/v 
glutaraldehyde aqueous solution were cast on the gate area. The devices 
were left 4 h at 4 °C before use. Due to the important role played by the 
layer thickness in the device response, we controlled for variations in 
thickness by always using the same amount of gelatin on gate electrodes 
of constant area. The data reproducibility indirectly confirms that this 
procedure was successful in keeping the thickness constant.

The chitosan layer was obtained from a 6 µL drop of chitosan solution 
(final concentration 0.3 mg mL−1), 1.7 mg mL−1 enzyme, crosslinked with 
1% v/v glutaraldehyde. Chitosan was first dissolved in 0.05 m acetic 
acid solution, while Uricase was dissolved in TRIS buffer solution. The 
devices were left 4 h at 4 °C before use. In all the sensors, the final 
content of the enzyme was 0.09 U.

Electrical Characterization and Data Analysis: Electric measurements 
were performed using an Agilent B2912A Source Measure Unit in PBS 
50 × 10–3 m, pH 7.4, at room temperature. Transfer characteristics were 
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recorded sweeping the gate voltage (VGS) from 0 to 1 V and fixed drain-
source voltage (VDS) of −0.4  V. Output characteristics were measured 
scanning the VDS from 0 to −0.8 V, while sweeping the VGS from 0 to 1 V 
with 10 steps of 0.1 V each. The response of each sensor to the addition 
of the analyte was measured in real-time at constant bias mode: VGS and 
VDS were fixed at +0.5 and −0.4 V, respectively, and the IDS was registered 
as a function of time.

To obtain the normalized response S to increasing UA concentrations 
as S = ΔI/I = −(IUA − I0)/I0, IUA was taken as the drain current recorded 
300 s after each UA injection, while I0 is the current recorded in the 
absence of analyte. 1 × 10–3 m concentration in PBS normalized response 
was obtained with the average of only two devices.

The LOD is the lowest concentration detectable from the device and 
has been calculated as LOD = Sbuffer + 3σ, where Sbuffer is the signal for 
PBS and artificial wound exudate in absence of analyte and σ is their 
standard deviation. σ has been obtained from the PBS and artificial 
wound exudate IDS current values during the stabilization time.

Artificial Wound Exudate: The artificial wound exudate medium 
was prepared by dissolving in water sodium chloride 124  × 10–3 m, 
magnesium chloride 831 × 10–6 m, calcium chloride 2.48 × 10–3 m, sodium 
bicarbonate 36.8  × 10–3 m, glucose 5  × 10–3 m, albumin 150  × 10–6 m, 
lactic acid 90% 10 × 10–6 m. Measured pH: 6.72 (ref. [14]).

Supporting Information
Supporting Information is available from the Wiley Online Library or 
from the author.
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