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Biomarker detection is the ultimate tool in diagnosing diseases, 
made more powerful if active measurements are possible to 
predict ailments and intervene. Traditional approaches have 
relied on extracted blood and innovative assay kits. This typically 
requires invasive methods via incision (pin pricks or needles) or 

The biomarker detection in human body fluids is crucial as biomarkers 
are important in diagnosing diseases. Conventional invasive techniques 
for biomarker detection are associated with infection, tissue damage, and 
discomfort. Non-invasive devices are an attractive alternative. Here, metal 
oxide (oxygen-deficient zinc oxide, ZnO) based conductometric sensors with 
two-terminal electrodes for rapid detection of biomarkers in real-time, are 
presented. This platform can be engineered for non-invasive, sensitive, and 
on-demand selective detection of biomarkers based on surface functionaliza-
tion. The three novelties in this biosensing technique include an on-demand 
target selection device platform, short (<10 min) incubation times, and real-
time monitoring of the biomarker of interest by electrical (resistance change) 
measurements. Cardiac inflammatory biomarkers interleukin 6 (IL-6) and 
C-reactive protein (CRP) are used as the model antigens. The devices can 
detect 100× lower concentration of IL-6 than healthy levels in human saliva 
and sweat and 1000× and ≈50× lower CRP concentrations than healthy levels 
in human saliva and sweat, respectively. The devices show high selectivity for 
IL-6 and CRP antigens when tested with a mixture of biomarkers. This sensor 
platform can be extended to selective measurements for viruses or DNA 
screening, which enables a new category of compact and rapid point-of-care 
medical devices.

partial implantation (micro-needle arrays) 
into the human body. Such approaches are 
associated with concerns of possible infec-
tion, tissue damage, discomfort, and the 
widespread dislike or fear of needles. The 
contrasting approach, with non-invasive 
measurements involving external contact 
with fluids or fluid collection for analysis, 
has had many recent developments.[1–3]

Among a range of biosensing methods, 
electrochemical biosensors have attracted 
more interest due to their superior sen-
sitivity and selectivity and label-free 
approach in biomolecule detection com-
pared to the other biosensing approaches 
such as enzyme-linked immunosorbent 
assays (ELISA),[4,5] optical biosensors,[6,7] 
resonant biosensors,[8,9] and thermal bio-
sensors.[10,11] Electrochemical biosensors 
have been utilized to determine a wide 
range of biomolecules such as neuro-
transmitters,[12] microRNA,[13] DNA,[14] 
glucose,[15] lung cancer biomarkers,[16] and 
cardiac biomarkers.[17] Furthermore, poten-
tial for miniaturization, real-time moni-
toring, high detection limits, and low-cost 

fabrication are added advantages of electrochemical biosensors. 
Among such electrochemical methods, voltammetry (cyclic, 
square-wave, differential pulse,[18] amperometry,[19] potentiom-
etry,[20] conductometry,[21] impedance spectroscopy,[22] and field 
effect transistors (FET)[23] are commonly used for biosensing 
applications.

Selection of an electrochemical method for real-world appli-
cations and commercialization purposes is mainly governed by 
factors such as a simple sensor platform suitable for manufac-
ture. This needs to account for complexity of fabrication, type 
and availability of raw materials, data transfer in real-time, and 
energy consumption and compactness of electronics. Most of 
the techniques listed above have limitations that have prevented 
technology translation and adoption.

Biosensors that rely on conductometric detection operate on 
the mechanism of detecting changes in resistance. This means 
devices require only two electrical contacts and very small active 
sensing areas. Moreover, they operate at low alternating voltages 
minimizing Faraday processes on electrodes, no requirement 
of reference electrode, and can be miniaturized and integrated 
easily using standard thin-film technology.

Metal-oxide based biosensors have attracted attention as 
alternative biosensing platforms during the last few years.[24,25] 
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Due to the broad range of favorable optical, electrical, and 
mechanical properties, stoichiometric ZnO has been a popular 
metal oxide in electrochemical detection of a wide range of bio-
molecules.[26–28] Current approaches using stoichiometric ZnO 
require complex detection electronics,[29] with nanomaterial 
approaches still encountering issues with stability, dispersity, 
and reactivity.[27,30] For example, Cao et al. used ZnO nanocrys-
tals on polyethylene terephthalate to detect C-reactive protein 
(CRP) antigens by impedance spectroscopy, which needed mul-
tiple electrodes and complex data analysis.[31]

Here, we report highly sensitive, oxygen-deficient ZnO (i.e., 
non-stoichiometric ZnO) based conductometric biomarker 
sensors to detect interleukin 6 (IL-6) and CRP non-invasively 
in human saliva or sweat. IL-6 and CRP were selected as the 
model biomarkers in the study because they are known to 
be inflammatory antigens and cardiac biomarkers.[32,33] Stoi-
chiometric ZnO-based biosensors have been used in IL-6 and 
CRP detection by using a range of techniques such as sur-
face acoustic waves,[34] ELISA-based methods,[35] potentiom-
etry,[29] and impedimetry.[31] Though the oxygen-deficient ZnO 
has been reported for different applications such as photo-
catalysts,[36] visible-bind UV imaging,[37] and electrochemical 
reactions,[38] the usage of oxygen-deficient ZnO in biosensing 
applications is scarce. Among the few studies reported, pho-
toelectrochemical glucose[39] and electrical impedance tro-
ponin-T[40] biosensors were developed. These reported oxygen-
deficient ZnO biosensors are associated with limitations such 
as requirement of multiple electrodes leading to high power 
consumption and complex detection methods. In contrast, our 
oxygen-deficient ZnO-based conductometric sensors utilize 
a simple two-terminal electrode and biomarker detection by 
selective binding.

These devices can detect IL-6 and CRP antigens more than 
100 × lower antigen concentrations reported in healthy human 
body fluids with high selectivity and in real-time. The anti-
body and antigens’ incubation times are as low as 5  min and 
the sample measurements are obtained in real-time, in com-
parison to the reported IL-6 and CRP electrochemical detection 
methods where it requires prolonged sample incubation prior 
to the measurements (e.g., 2–18 h). The oxygen-deficient ZnO 
device platform in this study can be extended to detect any bio-
marker by appropriate use of antigen/antibody interactions. 
Taking advantage of the ability to miniaturize the thin film 
devices and the relatively low cost of fabrication, this proposed 
device technology can be extended in developing a point-of-care 
tool for general use in the community.
Figure  1A shows the cross-section of the device platform 

which was fabricated by a multi-step photolithography pro-
cess.[41] The optical image in Figure  1B displays the array of 
fabricated devices. The detailed description of device fabri-
cation can be found in the Experimental Section. T-shaped 
electrodes were patterned on ZnO thin film to facilitate the 
placement of resistance measuring probes. The biosensors 
with different channel lengths (inter-electrode distance) are 
fabricated to optimize the baseline resistance for subsequent 
sensing. Considering the antibody packing density and opti-
mised baseline resistance, channel length of 40 µm is adopted 
for the biosensors (analysis presented in Figure S1, Supporting 
Information).

The stoichiometry of the sputtered ZnO thin films was 
assessed by X-ray photoelectron spectroscopy (XPS). Figure 1C 
shows the core-level O 1s XPS spectra of the ZnO thin film. The 
de-convoluted XPS spectra clearly indicates three distinct peaks 
associated with ZnO bonding which are assigned to O2− ions 
(530.3  eV), oxygen vacancies (531.9  eV), and loosely-bound 
oxygen such as OH groups (533.1  eV).[42,43] The presence of 
oxygen vacancies on ZnO thin films is further supported by Zn 
2p XPS spectra (Figure S2, Supporting Information). Binding 
energies at 1021.6 and 1044.6  eV for Zn 2p3/2 and Zn 2p1/2 
peaks, respectively, are smaller than that of bulk ZnO values 
(1022.2 and 1045  eV), also indicating that the ZnO thin films 
are oxygen-deficient.[44]

To evaluate the effect of composition of zinc oxide thin films 
on the conductance of the devices, two different types of zinc 
oxide thin films with different ratios of oxygen content (i.e., 
ZnO and ZnOy) were prepared using magnetron sputtering. 
ZnO was fabricated via direct current (DC) magnetron sput-
tering using a metallic Zn target and ZnOy was fabricated via 
radio frequency (RF) magnetron sputtering using a ceramic 
zinc oxide source. The details of the parameters used for fab-
ricating the two types of zinc oxide thin films are tabulated 
in Table S1, Supporting Information. ZnO thin film demon-
strated a higher conductivity (0.08–0.9 S m−1) than ZnOy thin 
film (<0.07 S m−1). The XPS analysis of ZnOy thin film also 
demonstrated three distinct peaks corresponding to ZnO 
bond (529.9 eV), oxygen vacancies (531.2 eV), and OH bond 
(532.3  eV) with similar to ZnO thin film as discussed in the 
previous paragraph and a detailed comparison of XPS spectra 
of ZnO and ZnOy thin films is given in Figure S3, Supporting 
Information. Atomic composition (at%) of oxygen in the three 
types of peaks in zinc oxide thin films was determined by using 
fitting parameters for O 1s XPS spectra (Table S2, Supporting 
Information). Fitting parameters on XPS spectra clearly sug-
gested that ZnO thin film has relatively high oxygen deficiency 
than ZnOy thin film. In addition, the surface OH bonds in 
ZnO thin film (≈9.76 at%) is relatively higher compared to 
ZnOy thin film (≈8.36 at%). These surface OH groups on 
zinc oxide film are important in surface functionalization of the 
devices for biosensing applications which will be discussed in 
detail in the following paragraph. Considering the higher con-
ductivity, higher oxygen deficiency, and higher OH content 
of ZnO thin films than ZnOy thin films, we selected ZnO thin 
films to fabricate our devices with maximum sensitivity. Fur-
thermore, the X-ray diffraction spectral analysis suggested that 
ZnO thin films are crystalline along c-axis (002)[45] (Figure S4A, 
Supporting Information) while the morphological scan on ZnO 
using atomic force microscopy (AFM) determined the average 
roughness of ZnO thin film to be 11.1  nm (Figure S4B, Sup-
porting Information).

Next, (3-glycidyloxypropyl)trimethoxysilane (GPS) silane 
was used to silanize the device surface. GPS has been used as 
a common organic silane to functionalize ZnO surfaces.[46,47] 
Silanization enables the antibodies to orient on the silane sur-
faces in an ordered manner exposing their antigen binding 
sites to incoming antigens. This facilitates maximum antigen 
binding onto the antibodies. To evaluate the GPS silanization 
of our ZnO biosensors, twofold characterisations were carried 
out. First, Fourier-transform infrared (FTIR) measurements 
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obtained before and after GPS silanization clearly demonstrates 
the difference in the IR spectra, especially in 1070–750 cm−1 
region, indicating the ZnO surface has been modified after 
GPS silanization (Figure  1D). The spectrum features in this 
range have become relatively sharper after GPS silanization 
compared to the pristine ZnO. This relatively sharper peak 
≈1000 cm−1 is assigned to SiOSi asymmetrical stretching 
vibration mode of GPS.[47] The relatively strong peak at 
788 cm−1 is assigned to SiO stretching vibration mode of GPS 
on ZnO.[47] These peaks are more prominent after GPS silaniza-
tion indicating the ZnO surface has been successfully silanized. 
The peak at 1250 cm−1 is assigned to SiO stretching vibration 
mode of SiO2.[48] Second, the hydrophobicity of the ZnO surface 

was evaluated after the GPS silanization by using water con-
tact angle measurements (Figure  1E). Freshly fabricated ZnO 
surface was exposed to ambient atmosphere for 1 h before 
obtaining the water contact angle (Figure 1E-i), which produced 
water contact angle of 72.5° and similar value has been reported 
for as-prepared ZnO.[46] Once the as-prepared ZnO device was 
exposed to oxygen plasma cleaning, the water contact angle 
was <5  (Figure  1E-ii). This is expected as the oxygen plasma 
cleaning was performed to remove the organic contaminants 
adsorbed onto the device surface and to activate the hydroxyl 
groups on the surface to facilitate the binding with GPS. As 
the device surface is more hydrophilic after oxygen plasma 
cleaning, it can readily adsorb water molecules to generate 

Figure 1. Device fabrication and characterization. A) The schematic representation of the device platform. B) Optical image of device arrays. The mag-
nified image shows the geometry of an electrode pair of the electrode arrays. C) De-convoluted XPS spectra of O 1s obtained for ZnO device surface. 
D) FTIR spectra of ZnO devices before and after GPS silanization. E) Water contact angle measurements obtained for as-prepared ZnO device after  
i) exposing to ambient conditions for 1 h, ii) exposing to O2 plasma, iii) immediate GPS silanization, and iv) 20 days of GPS silanization. F) Water 
contact angle measurement of GPS on ZnO surface as a function of time.
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very low water contact angle. Whereas, after GPS silanizsation 
(Figure  1E-iii), ZnO surface becomes more hydrophobic with 
water contact angle of 52.3° than plasma-treated bare ZnO sur-
face, due to the long carbon chain in the GPS molecule. The 
water contact angle stabilizes at 69° after 20 days (Figure 1E-iv). 
The long-term stability of surface hydrophobicity confirms suc-
cessful and continuous GPS coverage.

The GPS on ZnO devices is stable for at least 6 months in 
ambient conditions. This conclusion is derived based on time-
dependent measurements obtained for GPS on silane using 
water contact angle (Figure  1F) and resistance measurements 
(Figure S5, Supporting Information). The water contact angle 
displayed a sudden drop immediately after the GPS silanization 
and reached a value of 61° after 1 h. The water contact angle 
measurement subsequently stabilized with time (65 ± 5°). The 
rapid drop in water contact angle measurement immediately 
after the GPS silanization could possibly be due to the reac-
tions of some of the epoxy rings of GPS with water molecules. 
A similar drop was observed in previous reports.[46] With time, 
the GPS molecules orient more in an orderly manner by the 
increased intermolecular van der Waals interactions among 
hydrophobic chains. As the packing of silane molecules gets 
stronger, the reactivity of the epoxy rings toward water mole-
cules reduces. Hence the water contact angle increases and sta-
bilizes. A similar trend is also seen in resistance measurements 

for five freshly GPS-silanized devices (Figure S5, Supporting 
Information). A rapid drop in resistance is seen in a few days, 
which eventually stabilizes with prolonged sample incubation. 
The resistance measurements further support the ordering of 
the silane molecules with time. The charge transfer across the 
ordered molecules is higher compared to the disordered mole-
cules. The resistance is high in disordered molecules as can 
be seen in the first few days of the resistance values of all five 
devices. As the molecules get further ordered, the resistance 
drops and stabilizes with time.

The mechanism of GPS binding onto the ZnO surface is 
schematically represented in Step 1 of Figure 2A. The freshly 
prepared ZnO surfaces are usually associated with OH groups 
as suggested in de-convoluted XPS O 1s spectra (Figure  1C) 
and in previous reports.[46] These dangling OH groups can 
readily react with GPS silane to form covalent bonds between 
surface oxygen atoms and silicon atom of GPS silane. Methoxy 
groups in GPS silane remain as methanol molecules. Amine 
groups of incoming antibodies can readily react with epoxy ring 
of GPS silane on device surface (Step 2 of Figure  2A). Upon 
exposure to the mixture of antigens, antigen binding sites of 
antibodies selectively bind only with the target antigen (Step 3 
of Figure  2A). The selective binding to the target antigens is 
discussed in detail later. Upon binding of antigens to the anti-
body, the charge transfer from antigens toward the electrodes 

Figure 2. Schematics of antigen binding onto antibody-immobilized devices. A) Mechanism of antigen binding onto antibody-immobilized GPS-
functionalized devices and charge transfer across electrodes. B) Depiction of the summary of the biosensing technology proposed in the current study.
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via antibodies occurred. Charge transfer of biomolecules across 
the detection sensors is well-known in electrochemical biosen-
sors.[24,27,28] We depicted other contaminant molecules in the 
representation along with the target antigens. The presence of 
contaminant molecules in lower concentration is inevitable in 
PBS solution and commercially-available antibody and antigen 
solutions. But the results obtained for PBS solution clearly sug-
gests our sensors are not significantly impacted by contaminant 
molecules.

Figure 2B depicts the summary of biomarker sensing tech-
nique proposed in this current study. After binding of anti-
bodies onto GPS silane-functionalized devices, resistance 
across electrodes (R0) is measured. Upon completion of antigen 
binding onto antibodies, the resistance across electrodes (R) is 
measured after the removal of excess solution and drying under 
N2 gas. As Figure  2B depicts, not all the antibody sites are 
occupied with incoming antigens, especially at lower antigen 
concentrations. Those free antibody sites do not contribute to 
inducing charge transfer across electrodes; whereas, only the 
antigen-bound antibodies induce charge transfer. Furthermore, 
the other contaminant antigens do not bind to the antibodies. 
This is verified by cross-selectivity measurements and ability to 
re-use devices (discussed later).

Antibody binding onto the GPS-silanized ZnO device sur-
face and antigen binding onto the antibody immobilized-GPS 
silanized ZnO device surface were confirmed using FTIR 
spectra (Figure 3). The broad peaks 3200–3600 cm−1 and rela-
tively sharp peaks at ≈1650 cm−1 in IL-6 and CRP antibodies 
immobilized surfaces are assigned for the amine (NH2) 
and amide (HNCO) groups of the antibodies.[49,50] 
Since the antibody-immobilized GPS-silanized surfaces 
were extensively washed with phosphate buffer saline (PBS) 
solution prior to the FTIR spectral acquisitions, the physi-
cally-adsorbed and loosely-bound antibodies onto the GPS 
surface are not expected to be present on the GPS surface. 
Therefore, the FTIR spectral features pertaining to the IL-6 
and CRP antibodies should be generated from the antibodies 
that chemically react with GPS silane and are strongly and 
covalently bound to the surface. The clear change in the FTIR 
spectra of pristine IL-6 and CRP antigens on GPS silane in 
comparison to the FTIR spectra of the same antigens on the 
corresponding antibodies strongly suggest the antigens have 
interacted with the antibodies. As these spectra were obtained 
only after the extensive PBS solution wash, only the chem-
ically-adsorbed antigens should be retained on the antibody 
surface.

Figure 3. IL-6 and CRP detection using GPS silanized-ZnO devices. A) FTIR spectra of GPS/device, IL-6 antibodies/(GPS/device), IL-6 antigens/(GPS/
device), and IL-6 antigens/(IL-6 antibodies/(GPS/device). B) Change in resistance as a function of IL-6 concentration. C) FTIR spectra of GPS/device, 
CRP antibodies/(GPS/device), CRP antigens/(GPS/device), and CRP antigens/(CRP antibodies/(GPS/device). D) Change in resistance as a function of 
CRP concentration. The nominal concentrations for both IL-6 and CRP antibodies are 50 nm. The blue dash line in (B,D) shows healthy levels of IL-6 
and CRP in sweat and the pink dash line in (B,D) shows healthy levels of IL-6 and CRP in saliva.
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Both IL-6 and CRP antigens demonstrated a concentration-
dependent resistance change with respect to the baseline resist-
ance of the devices (Figure 3B,D). The baseline resistance is the 
resistance of the antibody-immobilized GPS-silanized device 
before the addition of antigen. The baseline resistance was 
measured to exclude the variations in the resistance across GPS 
silanized-devices for a given antibody. The percentage change 
in the resistance was calculated based ΔR = (R0-R)/R0 × 100%, 
where R0 is baseline resistance and R is measured resistance 
after antigen addition.

The antibody concentration used for each antigen was more 
than 1000-fold higher compared to the antigen concentration 
utilized in the study. This ensures the GPS-surface is com-
pletely occupied with the antibody of interest. As the antibody-
immobilized GPS-silanized devices were extensively rinsed 
with PBS solution, only the chemically-adsorbed antibodies 
should retain on the surface while all loosely bound antibodies 
were removed upon PBS washing.

A linear correlation is observed for the change in resistance 
as a function of antigen concentration, for both IL-6 and CRP 
antigens (Figure 3B,D). The responsivity (i.e., the slope of the 
curve) for IL-6 and CRP are 5.1 and 4.1%m−1, respectively. These 
values suggest that IL-6 antibody-immobilized ZnO devices are 
more sensitive in detecting IL-6 antigens compared to the CRP 
antibody-immobilized ZnO devices in detecting CRP antigens. 
To determine the contribution from the matrix of the antigen 
solution, the resistance was measured for the PBS solution on 
both types of antibody-immobilized ZnO devices. The change 
in resistance in the presence of PBS solution for both types of 
antibody-immobilized devices is <1%. This result suggests that 
the contribution from the matrix of the antigen solution for the 
change in resistance is negligible.

Both antigens demonstrated a detectable response below 
the reported concentrations of these antigens in healthy 
human body fluid. The reported IL-6 concentration in healthy  
human sweat is around 0.4 pm (10 ng L−1)[51] and in healthy human 
saliva is around 0.6 pm (16  ng L−1).[52,53] The reported CRP 
concentration in healthy human sweat is around 0.5 pm 
(12  ng L−1)[54] and in healthy human saliva is around 12 pm 
(285 ng L−1).[55] It should be noted that medical literature typi-
cally presents biomarker data in concentration by weight per 

volume (g L−1) compared to typical molar concentration in 
chemical sensing results. In this study, we report a 9.2% change 
of resistance for the IL-6 concentration of 4 fm which is more 
than 100 × lower in IL-6 concentration of healthy human sweat 
and saliva. Similarly, the change of resistance for the lowest 
CRP concentration used in our study (13 fm) is ≈12.5% which 
is almost 1000 × lower in CRP concentration as healthy human 
saliva and nearly 50 × lower than CRP concentration in healthy 
human sweat. The linear working range for IL-6 and CRP are 
4 fm to 4 nm and 13 fm to 13 nm, respectively. These working 
ranges, 6 orders of magnitude, are comparable to the reported 
values (Tables S3 and S4, Supporting Information), with future 
experiments to explore the range further.

A plausible explanation for the sensitive detection of anti-
gens in our methodology is due to the fast electron transport 
across the oxygen vacancies which act as free carriers in ZnO 
lattice. Previous literature has shown that the oxygen-deficient 
ZnO lattices lead to higher carrier concentration; hence, lower 
resistance.[37,41] This supports intuitive expectation that the elec-
tron transport across non-stoichiometric ZnO is more favorable 
than its insulating, stoichiometric counterpart. Previous reports 
have indicated that availability of oxygen vacancies in non-stoi-
chiometric ZnO lattice lead to enhanced sensitivity in compar-
ison to stochiometric ZnO films due to the increased flow of 
charge through the metal oxide. Hence, we conclude that the 
high sensitivity of our sensing platform is primarily due to the 
fast electron transport from antigen/antibody complex toward 
electrodes via oxygen vacancies in ZnO lattice.

The mechanism for decreased resistance with the increased 
antigen concentrations suggest that the antigens in our study 
act as electron donors on the ZnO devices. With increasing 
antigen concentration, more electrons are produced at the elec-
trodes, making the electron flow more feasible and reducing 
the resistance.[56] The as-measured resistance values for the 
IL-6 and CRP antigens on antibody immobilized-devices are 
shown in Figures S6 and S7, Supporting Information.

A wide range of optical, electrical, and ELISA-based methods 
have been developed for the detection of IL-6 and CRP anti-
gens and a detailed summary of these methods are shown in 
Tables S3 and S4, Supporting Information. Figure  4 shows 
the comparison of the limit of detections in electrochemical 

Figure 4. Comparison of limit of detections of electrochemical methods for A) IL-6 and B) CRP. The orange dash line indicates the limit of detection 
for IL-6 and CRP in the sensing method in this work.
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methods for IL-6 and CRP with our proposed sensing meth-
odology. Figure 4A shows five impedimetric methods that have 
lower detection limits for IL-6 compared to our method. These 
reported methods involve nanoparticle-associated sensors and 
complex detection methods for IL-6.[56–60] Figure 4B shows two 
voltammetric methods[61,62] and one impedimetric method[63] 
have lower detection limit for CRP than our method. The vol-
tammetric methods reported here involve nanoparticles and 
impedimetric method involves a complicated DNA aptamer 
incorporated Ni-metal organic framework as the sensor. This 
comparison in Figure  4 highlights the high sensitivity of our 
direct binding and thin film sensor technology compared to the 
reported electrochemical methods for IL-6 and CRP detections.

Both IL-6 and CRP antibodies required an immobiliza-
tion time of 5 min to produce the expected resistance change 
(Figure  5A,D). The antigen concentration used in this par-
ticular study was similar to the reported antigen concentrations 
in healthy human saliva/sweat.[51,55] As the antibody-immobi-
lized devices were washed extensively with PBS solution prior 
to the measurements, only the chemically-adsorbed antigens 
are retained on the surface. These results suggest that the inter-
actions of both antibodies with GPS silane occurred instantly. 
The optimum immobilization time for both IL-6 and CRP anti-
gens to produce the expected change in resistance is 5  min 
when the antibodies are immobilized for 5 min (Figure 5B,E). 
This finding is important for two reasons. First, previously 
reported ZnO-based methods in detecting IL-6 and CRP anti-
gens require prolonged incubation of antibodies and anti-
gens (2–18 h) under controlled experimental conditions (such 

as temperature at 4 °C) for detectable results.[29,31,34,35] In our 
methodology, IL-6 and CRP detection can be obtained within 
fast sample incubation time highlighting the significance of 
our sensor methodology compared to the previously reported 
IL-6 and CRP detection methods.

Furthermore, we have assessed the re-usability of our 
devices which is an important parameter for their adoption 
for real-time applications. Our devices can be re-used to detect 
both IL-6 and CRP antigens accurately (Figure  5C,F). Once 
the device was used to detect the antigen, the same device was 
immersed in Milli-Q water overnight to remove the antibodies 
and antigens from the GPS silane surface. Antigens and anti-
bodies are readily soluble in water. The removal of antigen/
antibody complex from the GPS silane after water immersion 
was confirmed by the resistance and water contact angle meas-
urements (Figure S8, Supporting Information). The resistance 
value of the freshly prepared GPS silane immobilized device 
is quite close to the resistance values of the same device after 
water immersion. This observation clearly suggests that most of 
the antibody/antigen complex has been removed after immer-
sion in water. The water contact angle for the freshly prepared 
GPS silanized device displayed a value of 58°. The water con-
tact angle measurement for the same device after immersion in 
Milli-Q water, upon the completion of first cycle of biosensing, 
produced a value of 51° (Figure S8, Supporting Information). 
Since the electrical signals are more sensitive to the surface 
chemistry than water contact angle measurements, we can 
conclude with confidence that the water immersion overnight 
is a successful approach for removing the antibody/antigen 

Figure 5. Effect of antibody and antigen incubation time, and device reusability. A) Change in resistance as a function of IL-6 antibody incubation time. 
B) Change in resistance as a function of IL-6 antigen incubation time. C) Comparison of change in resistances as a function of IL-6 antigen concentra-
tion for fresh and re-used devices. D) Change in resistance as a function of CRP antibody incubation time. E) Change in resistance as a function of 
CRP antigen incubation time. F) Comparison of change in resistances as a function of CRP antigen concentration for fresh and re-used devices. The 
red dash lines in (A,B,D,E) are the expected resistance change for each antigen of interest. The nominal concentrations of IL-6 antibody, CRP antibody, 
IL-6 antigen, and CRP antigen for the incubation time and selectivity studies are 50 nm, 50 nm, 4 pm, and 13 pm, respectively.
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complexes from silane surface. This result also suggests that 
the GPS silane has not significantly lost its activity even after 
the water immersion. This could be due to the strong covalent 
bond formed between silane and the device surface and the 
poor solubility of the hydrophobic chain of GPS silane in water.

The change in resistance for 450 days (15 months) old GPS-
silanized ZnO devices displayed a linear variation in resistance 
change with both IL-6 and CRP concentration (Figure  6A,C). 
A similar linear change is observed for the resistance changes 
with IL-6 and CRP antigen concentrations on the freshly pre-
pared devices (which is denoted as Day 0). It is important 
to note the overlap of the standard errors of the resistance 
changes in fresh and old devices at their corresponding IL-6 
and CRP concentrations (Figure  6B,D). This strongly sug-
gests that there is no statistical difference in the average values 
of resistance changes of fresh and 450 days old devices for a 
given antigen concentration. This observation clearly indicates 
that our devices have a prolonged shelf-life with stable device 
performances.

The antibody-immobilized devices can selectively detect the 
corresponding antigen of interest. This can be seen in the cross-
selectivity study performed for IL-6 and CRP antigen detection 

on the respective antibody immobilized devices (Figure 7). The 
concentrations of neat (pristine) antigens and antigen mixtures 
used in this study were maintained at 10 pm. These concentra-
tions for IL-6 and CRP antigens are closer to the antigen con-
centrations of healthy human saliva/sweat. The concentrations 
of other 3 antigens (cathelicidin, B-natriuretic peptide (BNP), 
and cardiac troponin I (cTnI)) were maintained at 10 pm to 
study the effect of device performance and selectivity for IL-6 
and CRP in the presence of functionally, morphologically, 
and chemically different antigens under same concentration 
of targeted antigen. Cathelicidin,[64] BNP,[65] and cTnI[66] were 
reported to be present in human saliva and the concentrations 
of these antigens in human saliva is increased especially in the 
event of a cardiovascular disease. It is important to note that a 
significantly high resistance change was observed for the tar-
geted antigen from the corresponding antibody-immobilized 
device in the presence of antigen mixture. As an example, IL-6 
antibody immobilized-devices displayed only 3% resistance 
change for neat CRP antigens in comparison to the neat IL-6 
which produced a resistance change of 31%. CRP antibody 
immobilized-devices displayed a 5% resistance change for neat 
IL-6 antigens whereas the resistance change for neat CRP was 

Figure 6. Evaluation of performances of fresh and old devices. A) Change in resistance for fresh (Day 0) and old (Day 450) devices as a function of IL-6 
concentration. B) Bar chart displaying the differences of the change in resistance for fresh and old devices for a selected IL-6 concentration. C) Change 
in resistance for fresh (Day 0) and old (Day 450) devices as a function of CRP concentration. D) Bar chart displaying the differences of the change in 
resistance for fresh and old devices for a selected CRP concentration.
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30%. Such a small resistance change from the counter antigens 
could possibly occur due to the physically adsorbed antigens 
onto the antigen binding sites of the antibodies to produce the 
electrical signal. Such physical adsorption of biomolecules onto 
different surfaces via weak van der Waals forces is common. In 
contrast to IL-6 and CRP antigens, the contributions for resist-
ance change from cathelicidin, BNP, and cTnI were negative on 
both IL-6 and CRP antibody-immobilized devices. This observa-
tion suggests that these three antigens either have not bounded 
to the IL-6 and CRP antibody immobilized-devices or the 
charge transfer effect of these adsorbed 3 antigens occur in a 
completely different manner than usual IL-6 and CRP antigens.

The antibody-immobilized devices successfully detected IL-6 
and CRP antigens in artificial saliva (Figure 8). The resistance 
change for both IL-6 and CRP antigens in artificial saliva dem-
onstrated a linear correlation as a function of antigen concen-
tration (Figure 8A,D). The responsivity (i.e., slope of the graphs) 
for IL-6 and CRP in artificial saliva are 1.6 and 1.2 (% m−1) , 
respectively. This suggests that the devices are more sensi-
tive to IL-6 than CRP in artificial saliva. A similar result was 
observed for the devices in PBS. The resistance changes for the 
selected concentrations of both types of antigens in artificial 
saliva are significantly low compared to the resistance changes 
in PBS (Figure  8B,E). Such a drastic decrease in the signal 
responses for antigens in artificial saliva is mainly due to the 
large background signals from artificial saliva. It is important 
to note that the percentage resistance change for artificial saliva 
was calculated to be 83% and 85% for IL-6 and CRP antibody-
immobilized devices, respectively. This contrasts with the <1% 
contribution from PBS solution. This significant contribu-
tion from artificial saliva to the resistance change is possibly 
due to the high charge transfer effect from the extremely high 
concentration of ions in artificial saliva compared to PBS solu-
tion. The graphs in Figure 8A,D and bar plots in Figure 8B,E 
are plotted after correcting the contribution from artificial saliva 
for the resistance change. It is also important to note that the 
detection limits of the devices for IL-6 and CRP in artificial 
saliva are 4 and 13 fm, respectively. These values are more than 
100 times lower than the antigen concentrations in healthy human 
saliva suggesting that our devices are extremely sensitive  

in detecting IL-6 and CRP antigens. These conductometric 
devices were able to selectively detect the targeted antigen in 
artificial saliva in the presence of other antigens (Figure 8C,F). 
Upon immobilizsation of corresponding antibodies (i.e., IL-6 
and CRP antibodies), the resistance changes obtained for the 
antigen mixtures are almost same as the resistance change 
of pristine antigen. This highlights the high selectivity of the 
devices to the targeted antigens. BNP, cTnI, and cathelicidin 
antigens demonstrated a negative resistance change suggesting 
that either there is no binding of these antigens to the device-
functionalized antibodies or the binding mechanism of these 
antigens to the respective antibodies is different from the tar-
geted antigens. A similar behavior was observed for these set of 
antigens when the solvent was PBS. In future, we will extend 
this research work toward clinical studies to evaluate the per-
formance of these conductometric biosensors in detecting IL-6 
and CRP antigens in real human subjects.

In the present study, we have proposed a metal oxide-based 
conductometric device platform to detect IL-6 and CRP bio-
markers. The use of oxygen-deficient ZnO provides a feasible 
pathway to transport electrons across the electrodes upon inter-
acting with antibodies and antigens. Stable GPS silane acts as 
an interlayer to support the maximum binding of antibodies 
with ordered orientation exposing the maximum number of 
antigen binding sites. The inter-molecular interactions of GPS 
silane with antibodies, and antibodies with antigens occurred 
instantly and strongly. The extensive PBS solution wash 
ensured only the chemically-adsorbed reactive chemical spe-
cies were retained on the device surface leading to the resist-
ance change. Due to the high sensitivity, this device platform 
was able to detect more than 100 × lower IL-6 concentration in 
healthy human sweat and saliva and more than 1000 × lower 
CRP concentration in healthy human saliva and nearly 50 × 
lower CRP concentration in healthy human sweat. As the anti-
body/antigen complexes are highly water soluble, a simple 
water immersion led to the removal of antibodies and anti-
gens from GPS silane. These cleaned devices can be re-used 
for antigen detection after immobilizing with the antibody of 
interest and devices can still detect the antigen of interest with 
high selectivity.

Figure 7. Cross-selectivity studies for IL-6 and CRP detection. A) Selectivity for IL-6 antigens on IL-6 antibody immobilized devices in the presence of 
other antigens of study. B) Selectivity for CRP antigens on CRP antibody immobilized devices in the presence of other antigens of study. The nominal 
concentration of each antigen is 10 pm. The nominal concentrations of IL-6 and CRP antibodies are 50 and 50 nm, respectively.

Small 2021, 17, 2005582



2005582 (10 of 12)

www.advancedsciencenews.com

© 2021 Wiley-VCH GmbH

www.small-journal.com

Our proposed method has unique strengths which are sig-
nificant in developing future point-of-care tools for real world 
applications. First, the proposed device platform is designed 
with a relatively simple fabrication process using readily avail-
able materials and it is consisted of simple two-terminal elec-
trodes. This is an important factor considering the material and 
product costs point of view. Second, the method of biomarker 
detection utilizes resistance measurements in obtaining and 
analyzing results. This resistance measurements introduced in 
this study do not require involving expensive machinery and 
complex detection procedures. This contrasts with the other 
biosensing methods which involved expensive machinery (e.g., 
optical spectroscopic methods such as Raman spectroscopy and 
fluorescence spectroscopy) and complex detection procedures 
(e.g., electrochemical impedance spectroscopy). Third, this 
device platform isassociated with thin film technology, which 
can be extended to developing miniaturized tools such as hand-
held point-of-care devices. Fourth, high sensitivity, high selec-
tivity, and reusability of the sensor are implicitly advantageous 
in developing point-of-care tools in biomarker detection. Fifth, 
the same concept can be extended to study different types of 
antibody/antigen interactions. By immobilizing the appropriate 
antibody of interest on the GPS silane surface, the conduc-
tivity difference can be monitored upon binding to the antigen 
of interest. Sixth, the technology can be further developed to 
transfer the results wirelessly to a mobile app and then shared 
to medical agencies where remote consultations could be 
implemented.

IL-6 and CRP concentrations in human body fluids including 
blood, plasma, saliva, and sweat, are rapidly increased as an 

inflammatory response to a disease.[51,55,67,68] At extremely high 
antigen concentrations, our devices should be able to differen-
tiate the antigen of interest quite easily, producing high change 
in resistance. This can be conducted just by monitoring the bio-
marker concentrations in human saliva or sweat. In order to  
develop the device platform toward commercial point-of-care 
tools, it is important to develop our device system in such a way 
to collect the maximum amount of saliva toward the sensing 
elements (e.g., microfluidic channels). Proper encapsulation 
of the sensor with polymeric material will further help for the 
longevity of the sensor. These are some areas which will be 
explored further in future work.

We have proposed a novel method for IL-6 and CRP detection 
in real-time with highly sensitive conductometric metal oxide plat-
form. An oxygen-deficient ZnO based device platform function-
alized with GPS silane (stable over 6 months) was utilized. The 
resistance across the electrodes reduced upon binding of antigens 
onto the antibody-immobilized devices suggesting antigens act as 
electron donors and antibodies act as electron acceptors. When 
PBS was used as the solvent, our devices detected more than 100 ×  
lower IL-6 concentration with respect to the reported IL-6 con-
centrations in healthy human sweat and healthy human saliva. 
Similarly, in the presence of PBS solvent, these devices detected 
more than 1000 × and 50 × lower CRP concentrations with 
respect to the reported CRP concentrations in healthy human 
saliva and healthy human sweat, respectively. The devices can 
be re-used for the biomarker detection after immersing the used 
devices in water. The device performances in detecting IL-6 and 
CRP antigens were significantly preserved even after 15 months 
of GPS silanization. These devices can selectively detect IL-6 and 

Figure 8. IL-6 and CRP detection studies in artificial saliva. A) Change in resistance as a function of IL-6 concentration in PBS (green) and artificial 
saliva (pink). B) Bar chart displaying the differences in resistance change for selected concentrations of IL-6 in PBS and artificial saliva. C) Selectivity 
study for IL-6 on IL-6 antibody immobilized-devices in the presence of other antigens used in the work. D) Change in resistance as a function of CRP 
concentration in PBS (violet) and artificial saliva (red). E) Bar chart displaying the differences in resistance change for selected concentrations of CRP 
in PBS and artificial saliva. F) Selectivity study for CRP on CRP antibody immobilized-devices in the presence of other antigens used in the work. The 
nominal concentration of each antigen in selectivity study is 10 pm.
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CRP antigens from the antigen mixtures when the devices are 
immobilized with the corresponding antibody. The IL-6 and CRP 
detections in artificial saliva demonstrated similar trends in com-
parison to PBS and the devices displayed a significant selectivity 
toward the targeted antigen in the presence of other antigens 
when artificial saliva was used as the solvent. Our approach can 
be extended to detect any antigen via suitable selection of anti-
body/antigen interactions and to develop a new category of point-
of-care diagnostic tools for real world applications.

Experimental Section
Device Fabrication: The biosensors were fabricated on Si substrates 

coated with thermally grown SiO2 (300 nm) layer. As-obtained substrates 
were cleaned in alcoholic solvents and thoroughly rinsed with deionised 
water followed by low-energy oxygen plasma to remove any organic 
contaminations. Oxygen-deficient ZnO thin films (thicknesses of 
≈100  nm) were sputtered onto the pre-cleaned substrates from a 
commercial ceramic ZnO target (Testbourne Ltd) using a custom-
designed magnetron sputtering system (Kurt J. Lesker PVD75). 
Sputtering of oxygen-deficient ZnO thin films was carried out by using 
radio frequency (RF, 13.5 MHz) power of 200 W in Ar:O2 ratio of 100:5 
and under a sputtering pressure of 3.5 × 10−3  Torr. During sputtering, 
temperature of the substrate was maintained at 250 °C using a substrate 
heater with feedback control. Next, T-shaped electrodes were patterned 
on ZnO thin film using the standard photolithography processes. Finally, 
gold metal electrodes (50  nm thick, with 5  nm chromium adhesion 
layer) were deposited by electron beam deposition and patterns realized 
by lift-off process. The length of the electrodes in devices was 4 mm and 
the optimum gap between two electrodes was 40 µm.

GPS Silanization: GPS silane was purchased from Sigma-Aldrich 
(Castle Hill, New South Wales, Australia) and used as-received. GPS 
silanization of the devices was conducted with few modifications to the 
reported silanization procedure.[46] In brief, freshly prepared ZnO devices 
were exposed to O2 plasma for 10  min (Plasma Cleaner PDC-002, 
Harrick Plasma). GPS solution (20  µL) was drop-casted on an Al foil 
which was placed inside a vacuum desiccator and allowed the desiccator 
to saturate with GPS vapor. Then the O2 plasma-cleaned ZnO devices 
were exposed to this GPS vapor for 1–2 h. The exposure of ZnO devices 
to GPS vapor was conducted inside the LC200 Glovebox System. Then, 
the ZnO devices were rinsed thoroughly with Milli-Q water for 2 min to 
remove the unbounded silane groups from ZnO devices. The washed 
ZnO devices were heated at 150 °C for 10 min to strengthen the bonding 
of silane groups onto the ZnO surface.

Surface Characterizations: XPS analysis was conducted by using 
a Thermo Scientific K-Alpha instrument utilizing an aluminium Kα 
radiation source (1486.6  eV). All spectra were resolved by using 
the standard Gaussian–Lorentzian function followed by the Shirley 
background correction. FTIR spectra were acquired using a Spotlight 
400 FT-IR Imaging System equipped with Perkin Elmer Spectrum and 
Spectrum IMAGE Viewer software. Five hundred and sixteen FTIR 
scans were acquired for a given spot of each sample and three spots 
were scanned for each sample. The averages of the collected spectra 
were reported in the FTIR spectra in the manuscript. The size of the 
scanned area of a given spot was 100  µm × 100  µm. Water contact 
angle measurements were obtained using a Dataphysics OCA 15 plus 
Contact Angle instrument and SCA 20 software. Water contact angle 
was measured for five devices and averaged values were reported in 
the manuscript. The AFM topographic scans of the ZnO thin films were 
conducted on a Bruker’s Dimension-Icon AFM in ScanAsyst mode under 
ambient conditions. A Bruker’s D2 Phaser was used to collect XRD 
spectra from the ZnO thin films sputtered on (001) Si substrates with 
300 nm thermally grown SiO2.

Preparation of Antibody and Antigen Solutions: IL-6 antibody, IL-6 
antigens, CRP antibody, CRP antigens, and PBS (pH 7.4) solution were 

purchased from Sigma–Aldrich (Castle Hill, New South Wales, Australia). 
Human cathelicidin antigen was purchased from Abcam (Cambridge, 
Massachusetts, USA). Human cTnI antigen was purchased from HyTest 
Ltd. (Turku, Finland). Human BNP antigen was purchased from Bachem 
(Bubendorf, Switzerland). Artificial saliva was purchased from Pickering 
Laboratories Inc., (Mountain View, California, USA). All chemicals and 
biomaterials were used as-received. The IL-6 antibody stock solution was 
diluted by 1:106 in PBS solution and as-received CRP antibody solution 
was diluted by 1:50 in PBS solution prior to immobilization. As-received 
IL-6 powder was completely dissolved in known amount of autoclaved 
Milli-Q water and diluted in PBS solution to prepare a standard series 
of IL-6 solution (4 nm, 100 pm, 4 pm, 100 fm, and 4 fm). A series of CRP 
solutions (13 nm, 100 pm, 13 pm, 100 fm, and 13 fm) were prepared by 
diluting the as-received CRP solution in PBS solution.

Immobilization of Antibodies: Freshly prepared antibody solution 
(15  µL) was drop-cast on each freshly prepared GPS-silanized ZnO 
device and incubated for 2 h allowing the antibodies to immobilize 
on the ZnO devices. Then the ZnO devices were rinsed extensively 
with PBS solution to remove the unbounded antibodies followed by 
drying with compressed N2 gas (>99.9% purity). Finally, the resistance 
of these antibody-immobilized devices (R0) was measured. A LTS120 
Linkam Stage and a B2901A Precision Source/Measure Unit (Keysight 
Technologies) were used in resistance measurements. Keysight Quick 
I–V Measurement software was used to acquire the resistance data.

Immobilization of Antigens: Antigen solution (15  µL) was drop-cast 
on the antibody-immobilized ZnO devices and incubated for 10  min. 
After 10 min, the remaining antigen solution on the device was pipetted 
out and the device was dried using compressed N2 gas (>99.9% 
purity). Then the resistance (R) of these devices was measured. For a 
given antigen concentration, 3–5 devices were used to determine the 
change in resistance. A LTS120 Linkam Stage and a B2901A Precision 
Source/Measure Unit (Keysight Technologies) were used in resistance 
measurements. Keysight Quick I–V Measurement software was used to 
acquire the resistance data.
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