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A B S T R A C T   

After World Health Organization (WHO) announced COVID-19 outbreak a pandemic, we all again realized the 
importance of developing rapid diagnostic kits. In this article, we introduced a lightweight and field-portable 
biosensor employing a plasmonic chip based on nanohole arrays integrated to a lensfree-imaging framework 
for label-free detection of viruses in field-settings. The platform utilizes a CMOS (complementary metal-
–oxide–semiconductor) camera with high quantum efficiency in the spectral window of interest to monitor 
diffraction field patterns of nanohole arrays under the uniform illumination of an LED (light-emitting diode) 
source which is spectrally tuned to the plasmonic mode supported by the nanohole arrays. As an example for the 
applicability of our biosensor for virus detection, we could successfully demonstrate the label-free detection of 
H1N1 viruses, e.g., swine flu, with medically relevant concentrations. We also developed a low-cost and easy-to- 
use sample preparation kit to prepare the surface of the plasmonic chip for analyte binding, e.g., virus-antibody 
binding. In order to reveal a complete biosensor technology, we also developed a user friendly Python™ – based 
graphical user interface (GUI) that allows direct access to biosensor hardware, taking and processing diffraction 
field images, and provides virus information to the end-user. Employing highly sensitive nanohole arrays and 
lensfree-imaging framework, our platform could yield an LOD as low as 103 TCID50/mL. Providing accurate and 
rapid sensing information in a handheld platform, weighing only 70 g and 12 cm tall, without the need for bulky 
and expensive instrumentation, our biosensor could be a very strong candidate for diagnostic applications in 
resource-poor settings. As our detection scheme is based on the use of antibodies, it could quickly adapt to the 
detection of different viral diseases, e.g., COVID-19 or influenza, by simply coating the plasmonic chip surface 
with an antibody possessing affinity to the virus type of interest. Possessing this ability, our biosensor could be 
swiftly deployed to the field in need for rapid diagnosis, which may be an important asset to prevent the spread 
of diseases before turning into a pandemic by isolating patients from the population.   

1. Introduction 

Early detection and diagnosis of infectious diseases due to viruses is 
very critical for public and global health [1]. With the current 
SARS-CoV-2 (COVID-19) viral outbreak [2] (started around late 2019), 
many other viral pandemics, e.g., SARS [3] (2002–2004) and H1N1 or 
namely swine flu [4] (2009–2010) killed thousands of people in recent 
years. Despite the current diagnostic technologies, viral diseases still 
spread globally and turn into pandemics. During annual epidemics, 
rapid and accurate diagnostic technologies would be very useful in 
resource-poor settings. On the other hand, in the case of pandemics, 
these technologies could be swiftly modified and easily deployed to the 

required sites in an inexpensive way [5]. Current medical technologies 
for the diagnosis of viral diseases relying on polymerase chain reaction 
(PCR) [6], enzyme-linked immunosorbent assays (ELISA) [7] or cell 
cultures [8] require time-consuming and expensive procedures, bulky 
instrumentation necessitating sophisticated infrastructure, and trained 
laboratory professionals. Hence, their use in point-of-care diagnostics 
for viral diseases is not feasible. Especially for underdeveloped coun-
tries, the absence of medical infrastructure and healthcare professionals 
necessitates cost-effective and easy-to-use point-of-care diagnostic 
technologies. Such technologies could be an important asset for coun-
tries, lacking routine screening, to effectively deliver health services to 
individuals [9]. These technologies are also desired in developed 
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countries since the cost for healthcare is still a concern even if the re-
sources are mostly available. Therefore, it is very critical to develop 
highly sensitive, easy-to-use and field-deployable point-of-care tech-
nologies with strong specificity for rapid and accurate diagnosis of viral 
diseases in resource-poor settings, which could prevent pandemics 
related to virus-borne diseases. 

Label-free biosensors brought new modalities for the diagnosis of 
infectious diseases [10]. They are ideal for point-of-care diagnostics as 
(i) they could eliminate the need for optical or radioactive tags and 
enzymatic reactors, which suffer from cross-interference between labels 
and other molecular binding interactions, and (ii) overcome the prob-
lems due to insufficient number of labels as well as long and complex 
labeling steps. In literature, particularly three signal transduction 
mechanisms are proposed, e.g., optical [11,12], electrical [13,14] and 
mechanical [15] to generate label-free sensing information. Among 
those, optical biosensors are very popular thanks to their ability to allow 
remote signal transduction by forming light-matter interaction, which 
creates strong sensing signals that can be read out by an external de-
tector. This is a strong advantage of optical biosensors over others, e.g., 
possessing a sensing mechanism that does not rely on a direct physical 
connection with the targeted analytes [16]. However, creating accurate 
and reliable sensing signals requires strong light-matter interaction that 
can be realized by systems precisely aligning light on the analytes of 
interest [17,18]. Therefore, most optical biosensors employ bulky and 
expensive tools, which are not ideal for field deployable point-of-care 
diagnostics. 

Recently, subwavelength nanohole arrays have been proposed as a 
powerful candidate for point-of-care analyses due to their unique ability 
to confine normally illuminated light. Such geometry significantly 
simplifies optical alignment, which is very critical to realize field- 
deployable and robust biosensing platforms for field settings [19–22]. 
This modality of collinear configuration also allows signal evaluation 
with imaging devices within an array format, e.g., CCD (charge coupled 
device) or CMOS camera, instead of a photodetector or spectrometer, 
which enables multiplexed and high-throughput biosensing [23]. 
Allowing light transmission in a finite spectral window and filtering out 
the rest, nanohole arrays could yield sensing signal with high 
signal-to-noise ratio and minimum background noise [24]. Recently, 
plasmonic nanoholes have been also successfully used for the detection 
of pathogens, e.g., virus or bacteria [1,25–27]. Despite their perfor-
mance on label-free detection of pathogens, biosensors utilizing nano-
hole arrays rely on benchtop instrumentation, which significantly limits 
their use in resource-poor settings. Therefore, there is a strong demand 
for low-cost and field deployable plasmonic platforms for label-free 
detection of pathogens [28]. Along this line, recently we have intro-
duced a handheld plasmonic biosensor that combines lensfree-imaging 
with nanohole arrays for the detection of ultrathin protein layers to-
wards label-free point-of-care applications [29]. By integrating a 
low-cost microfluidic chamber to this field deployable biosensor, we 
have successfully demonstrated the real-time analyses of protein binding 
kinetics in a multiplexed manner [30]. To our knowledge, nanohole 
array-based biosensors integrated with lensfree-imaging technology 
have not been offered for the detection of viruses in resource-poor set-
tings yet. 

In this article, we introduced a handheld biosensor that combines 
plasmonic label-free sensing technology with lensfree computational 
imaging for point-of-care diagnosis of viral diseases. As an example, we 
demonstrated the label-free detection of H1N1 influenza virus that 
caused swine flu in 2009, and established in human as a seasonal 
influenza strain since then. We also developed a sample preparation kit 
to ensure a plasmonic sensor chip with strong affinity to H1N1 influenza 
viruses via antibody-based surface modification. The sample prepara-
tion kit also ensures the minimum consumption of consumables 
providing the largest sensing signal with the handheld biosensor. In 
addition to our effort on hardware advancement, we also developed a 
Python™ – based software that allows the acquisition and evaluation of 

diffraction field images to provide virus information to the operator. The 
platform employs a very simple optics using affordable components, 
which are aligned within a dark environment without the need for op-
tical or mechanical instrumentation. Thanks to its compact and light-
weight design, e.g., only 12 cm tall and weighing 70 g, as well as strong 
sensing capability with minimum detectable H1N1 virus concentration 
of 103 TCID50/mL, our handheld biosensor is a strong candidate for 
point-of-care diagnostic applications for viral diseases. 

2. Results and discussion 

2.1. Components of the handheld plasmonic biosensor 

Fig. 1A shows the photograph of the handheld plasmonic biosensor. 
As shown in Fig. 1B, the biosensor is constituted by three components: 
(i) A plasmonic chip composed of subwavelength nanohole arrays 
fabricated through a thin gold film. These apertures support strong 
electromagnetic fields localized around the rims of the nanoholes, and 
extend extensively into the medium. Hence, the transmission resonance 
supported by plasmonic nanoholes, related to their extraordinary light 
transmission (EOT) property, is very sensitive to change within the 
refractive index in the vicinity of the sensor surface. Then, the viruses 
are detected via the spectral variations within the EOT signal due to the 
refractive index changes that are triggered by the presence of viruses 
captured on the plasmonic surface. (ii) An LED light source that spec-
trally overlaps with the plasmonic mode of the chip. (iii) A CMOS 
camera that records the diffraction field intensities of the nanohole ar-
rays. Fig. 1C shows the real picture of the sample preparation kit. Sample 
preparation kit divides the plasmonic chip into two compartments, 
sensor and control, where the sensor region is coated with antibodies 
specific to H1N1 viruses, and the control region is used to determine any 
optical or mechanical fluctuations (Fig. 1D). Spectral variations within 
the nanohole response result in a better spectral match between EOT 
signal and LED response. Thus, the captured viruses on the sensor region 
increases the diffraction field intensity compared to control region 
(schematically illustrated in Fig. 1B). 

2.2. Fabrication of the plasmonic chips 

Plasmonic nanohole arrays were realized through a high-throughput 
and wafer-scale fabrication method based on deep-UV lithography [24, 
31,32]. In this article, our goal is to develop an affordable label-free 
biosensor, i.e., we employed a fabrication method which enables the 
realization of nanoholes in a low-cost manner compared to the classical 
manufacturing techniques. As opposed to E-beam lithography, where 
nano-features are created sequentially, our technique enables parallel 
fabrication of nanohole arrays in wafer-scale, which dramatically lowers 
the cost and duration of the nano-fabrication. Fig. 2A shows the sche-
matic illustration of the fabrication steps. We carried out the fabrication 
protocol on a 500-μm thick 4-inch fused silica (glass) wafer, coated with 
100 nm LPCVD (low pressure chemical vapor deposition) silicon nitride 
(SiN) film. This SiN film is optically transparent, and functions as a high 
refractive index interlayer that yields an isolated transmission resonance 
by eliminating unwanted plasmonic modes excited along the interface 
between Au and fused silica [33]. (i) We first deposited 5 nm Cr, func-
tioning as an adhesion layer, and 120 nm Au. This optically thick Au 
layer ensures a transmission spectrum solely due to the plasmonic effects 
excited by the nanohole arrays via blocking light transmission in 
nanohole-free locations. (ii) We then performed deep-UV lithography on 
a positive resist coated on the wafer surface, where the mask allows the 
formation of nanohole features throughout the resist. (iii) After the 
development, we etched the metal film via dry etching using SF6 and Ar 
(reactive ion etching), while the photoresist was used as a mask, 
revealing the nanohole patterns through the Au film. (iv) Finally, we 
removed the remaining resist on the Au surface with O2 plasma cleaning. 
With this fabrication technique, nanoholes could be realized in 
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wafer-scale, i.e., we diced the wafer to realize plasmonic chips with the 
desired dimensions. Fig. 2B-top shows the photograph of the plasmonic 
chip with 2 cm × 1 cm dimension. The optical microscope image 
(Fig. 2B-top) demonstrates that the nanohole arrays are uniform over a 
very large area. Scanning electron microscope (SEM) image 
(Fig. 2B-bottom) shows the nanoholes with 190 nm diameter and 
450 nm array periodicity, demonstrating the quality and resolution of 
our fabrication method. This hole size allows sufficient light 

transmission for creating reliable sensing signal without distorting the 
transmission resonance supported by the nanohole arrays. 

2.3. Sample preparation kit 

Since the label-free nature of our biosensor relies on virus specific 
antibodies, it is vital to provide accurate sensing data with low amount 
of capturing ligands, which is the key asset to develop an affordable 

Fig. 1. Photograph and schematic illustration of (A, B) the handheld plasmonic biosensor and (C, D) the sample preparation kit. Sample preparation kit divides the 
plasmonic chip into sensor and control regions, which have different diffraction field intensities under the same LED illumination captured by the CMOS camera. 

Fig. 2. (A) Schematic illustration of the wafer-scale and low-cost fabrication method based on deep-UV lithography for high-resolution plasmonic nanohole arrays. 
The corresponding device parameters: Hole diameter = 190 nm, Array periodicity =450 nm, Au thickness = 120 nm, Cr thickness =5 nm, SiN thickness: 100 nm. (B) 
Top: Optical microscope image of the nanohole arrays. Top-inset: Photograph of a 2 cm × 1 cm plasmonic chip. Bottom: SEM image of the nanohole arrays. 
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point-of-care diagnostic platform. 
In our biosensor platform, spectral readout is implemented by 

monitoring the diffraction field intensity of the plasmonic mode sup-
ported by the nanohole arrays. Therefore, for data generation, only the 
location on the plasmonic chip that matches with the CMOS active area 
is critical. For this particular reason, we designed the sample prepara-
tion kit in such a way that the solution containing the targeted analytes 
is pipetted and incubated on the plasmonic chip surface from an opening 
(functions as an incubation chamber) that allows binding only on the 
required chip surface. Fig. 3A shows the photograph of the sample 
preparation kit which is composed of (i) two polydimethylsiloxane 
(PDMS) sealing layers, and (ii) two polylactic acid (PLA) locking caps. 
Fig. 3B shows the schematic illustration of the manufacturing process for 
these constituting parts. Shape of the PDMS layers was determined with 
two PLA molds manufactured with 3D-printing (See Supporting Fig. SI1 
for the photograph of the PLA molds and PDMS layers). As shown in the 
figure, the top PDMS layer has a rectangular hole that ensures a leak-free 
incubation along the desired location on the plasmonic chip surface. The 
bottom PDMS layer has a rectangular space, where the plasmonic chip is 
positioned. Plasmonic chip is then sandwiched between two PDMS 
layers (schematically shown in Fig. 3C), and this sandwich is inserted 
between two PLA caps functioning as a locking mechanism using four 
screws on sides (See Supporting Fig. SI2 for the photograph of the 
locking mechanism). Here, the deformability of the PDMS layers allows 
screw tightening to such an extent that is sufficient for sealing without 
damaging the 0.5-mm-thick plasmonic chip. Fig. 3C schematically 
shows the sample preparation kit during the incubation phase, where 
the analytes cover only the portion of chip surface that matches with the 
half of the CMOS active area. For the label-free detection of viruses, this 
area functions as sensor (blue), while the rest is used for control 
(yellow). 

2.4. Optical instrumentation of the portable biosensor 

The basic working principle of the portable biosensor is to capture 
diffraction field images of the plasmonic chip by the CMOS camera and 
to determine spectral variations within the nanohole EOT response by 
tracking the intensity variations before and after analyte binding. Limit- 
of-detection of the system, (in other words, minimum detectable virus 
concentration) corresponds to the lowest virus concentration that create 
a change in the diffraction field intensity which can be detected by the 

CMOS camera. Therefore, LED light source and CMOS camera should be 
chosen to provide an ability to create and monitor diffraction field in-
tensity changes even in the presence of very low virus concentrations. 
Fig. 4A shows these components, where bottom PLA part contains the 
USB-powered CMOS camera, and top PLA part contains the battery- 
powered LED light source. Here, an inter-PLA tube (not shown in the 
figure) was used to create a uniform LED illumination along the CMOS 
active area. The top PLA part has a circuit composed of a battery, a 
switch button to turn on/off the light source and a resistor lowering the 
LED brightness to prevent the camera saturation. In the bottom PLA 
part, plasmonic chip is positioned inside a square groove having the 
same dimension with the chip to accurately match the sensor and con-
trol regions with the active area of the CMOS camera. There are two oval 
shaped grooves on the sides in this square to position/take the chip from 
the biosensor. Here, there are two important criteria to choose the 
proper components: (i) LED source should have a narrow bandwidth, 
and spectrally position very close to the nanohole EOT response, and (ii) 
CMOS camera should have a high quantum efficiency within the spectral 
range that covers both EOT signal and LED response [29,30,34]. Fig. 4B 
shows the EOT response of the plasmonic chip positioned at ~550 nm 
(grey), the power output of the LED source positioned at ~573 nm 
(green), and the quantum efficiency of the CMOS camera (red). Here, the 
narrow bandwidth of the LED source, e.g., 10 nm, and the near-uniform 
quantum efficiency of the CMOS camera within the spectrum of interest 
are very critical to reliably create the diffraction field intensity varia-
tions in the presence of very low analyte concentrations. 

2.5. Label-free detection of H1N1 influenza virus 

The biosensor platform enables label-free detection via attaching the 
targeted analytes on the surface of the plasmonic substrate with 
capturing ligands, which triggers a spectral shift within the EOT 
response of the nanohole arrays. Here, we first employed a cleaning 
procedure to ensure a plasmonic chip chemically favorable for label-free 
virus detection as explained in the Experimental Section. In order to 
capture H1N1 viruses on the chip surface, we used a surface modifica-
tion technique, which does not require complex and long preparation 
time. This technique also allows chip-recycling via removing the organic 
contaminants with a simple cleaning procedure since it does not rely on 
strong and irreversible molecular bonds between analytes and the Au 
surface (See Experimental Section for the details of the analyte 

Fig. 3. (A) Photograph of the sample preparation kit, where the analyte solution is injected with a pipette to the surface of the plasmonic chip through the rect-
angular hole in the top part of the kit. (B) Schematic illustration of the PLA molds used to manufacture PDMS layers that ensures a leak-free analyte incubation on the 
plasmonic chip surface. (C) Plasmonic chip is sandwiched between PDMS layers which is then inserted between two PLA caps. Sample preparation kit creates an 
analyte-coated spot (blue) which is half of the CMOS active area in size, and forms two locations on the camera screen, e.g., sensor and control. 
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immobilization technique). Surface modification was carried out with 
the sample preparation kit, where the corresponding solutions were 
pipetted to/back and incubated in each step. Between each step, sample 
preparation kit was opened using the screws on sides, and the plasmonic 
chip was rinsed with PBS (phosphate-buffered saline) and DI-water. 
With this step, the unbound proteins and the proteins on the surface 
due to non-specific adsorption were removed from the plasmonic chip 
surface. Fig. 5A shows the schematic illustration of an H1N1 virus 
captured on the sensing surface. After cleaning, Au surface was coated 
with protein A/G. We then introduced protein IgG on the A/G coated Au 
surface. The virus antibody has two subdomains, e.g., Fab and Fc. Due to 
the high affinity of protein A/G to the Fc region of the virus antibody, 
protein IgG positions on the protein A/G forming a “Y” shape, i.e., its 
glycoprotein binding sites are freely exposed. Then, the virus attaches on 
the virus antibody through its hemagglutinin (HA) glycoproteins. 
Fig. 5B shows the SEM image of the H1N1 viruses on the nanohole 
surface. 

Fig. 5C shows the EOT response of the nanohole arrays before and 
after the attachment of analytes on the sensing surface (See Experi-
mental Section for the details of the spectral analyses). The increase in 
the total biomass due to the analyte accumulation increases the effective 
refractive index in the vicinity of the sensing surface, e.g., shifting the 
EOT response to longer wavelengths. For example, EOT response 
initially located at ~514 nm (black)shifted to ~519 nm (red) and 
~532 nm (blue) after the addition of 200 μg/mL protein A/G and 
100 μg/mL protein IgG, respectively. Here, we used very high protein 
concentrations ensuring the saturation of the sensing surface with virus 
antibody for accurately capturing viruses on the surface, which creates 
sufficient sensing signals to be able to read with the CMOS camera even 
in the presence of very low virus concentrations. In this section, in order 
to demonstrate the working principle of our biosensor, we used a high 
virus titer, e.g., 107 TCID50/mL, where the presence of the H1N1 viruses 
shifted the EOT resonance to ~551 nm (green). 

Fig. 4. (A) Photograph of the two main optical components of the portable biosensor: USB-powered monochromatic CMOS camera (Thorlabs), and battery-powered 
LED light source (Digi-Key Electronics). Figure inset: Schematic illustration of the electrical circuit for controlling the light source. (B) EOT response of the nanohole 
array (grey), power output of the LED light source (green), and quantum efficiency of the CMOS camera (red). 

Fig. 5. (A) Schematic illustration of the virus (green) attachment on the Au surface using protein A/G (red) and virus antibody (blue). (B) SEM image of the H1N1 
viruses on the surface of the Au nanoholes. (C) EOT response of the nanohole arrays before (black) and after the attachment of protein A/G (red), protein IgG (blue) 
and H1N1 virus (green). Gray denotes the output power spectrum of the LED light source used in the portable biosensor platform. 
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2.6. Using CMOS diffraction images for label-free detection 

In our portable biosensor, the LED spectrum (gray curve in Fig. 5C) 
was positioned at longer wavelengths compared to the EOT response of 
the nanohole arrays (black curve in Fig. 5C), e.g., as the EOT resonance 
shifts toward longer wavelengths with analyte binding, it better overlaps 
with the LED power spectrum. Better spectral overlap enables higher 
number of photons reaching the camera, which causes an increase in the 
diffraction field intensity in the sensor location (See Supporting Fig. SI3 
for the schematic illustration of this phenomenon). For instance, Fig. 6A 
shows the diffraction field intensity images captured by the CMOS 
camera, demonstrating the distinct difference between control and 
sensor regions coated with protein IgG. As shown in Fig. 6B, LED source 
illuminating the plasmonic chip creates a uniform diffraction field 
disturbed across the chip surface, which is very advantageous for reli-
able image processing. Fig. 6C shows the diffraction field intensities 
calculated for control (orange line) and sensor (black line) regions 
before and after analyte binding on the surface of the plasmonic chip. 
These values were determined by taking the average of the diffraction 
field intensities in a 0.5 mm × 0.5 mm area denoted with white squares 
in Fig. 6A. The intensity changes in the diffraction field images with 
analyte binding in the sensor region could be easily differentiated with 
naked eye (Fig. 6C-inset). On the other hand, for the control region, 
diffraction field intensity does not show any variation due to the absence 
of spectral variations within the nanohole EOT response, demonstrating 
the reliability of our label-free detection technique. 

2.7. Detection limit of the portable platform 

False positive is the most important challenge that could weaken the 
reliability of biosensors. Most plasmonic biosensors provide the label- 
free sensing information based on sensing-by-binding type surface 
modification techniques, e.g., the analyte that needs to be detected 
should be attached on the sensing surface. Therefore, it is very critical to 
ensure specificity, which is the most important asset for eliminating false 
positive in the presence of other potential pathogens that could bind on 
the surface. In our biosensor, specificity is provided by the IgG antibody 
(anti-swine H1N1 hemagglutinin, Merck KGaA), which has affinity only 
to H1N1 viruses. In order to demonstrate the specificity of our biosensor, 
we compared the spectral variations within the nanohole EOT response 
due to the presence of H1N1 viruses, where the sensing surface is 

covered with control (anti-Vesicular stomatitis virus antibody, Merck 
KGaA) and H1N1 antibodies. Fig. 7A (black curve) and 7B (blue curve) 
show the EOT response of the nanohole arrays coated with control and 
H1N1 antibodies. As the molecular weights of these antibodies are very 
similar, there is only 1 nm difference between spectral positions of the 
EOT response for control and H1N1 antibodies. After the virus incuba-
tion, EOT response shifts to longer wavelengths (Fig. 7B, green curve) 
due to H1N1 viruses binding on H1N1 antibody coated Au surface. On 
the other hand, no spectral variation was observed within the EOT 
response after the virus incubation for the nanohole surface coated with 
control antibody (Fig. 7A, dashed red curve) since viruses were not 
captured by the control antibodies, and removed from surface during the 
rinsing process. This result clearly demonstrates the specificity of our 
sensing technique to H1N1 influenza viruses. 

In addition to specificity, it is also very critical to provide accurate 
sensing data in the presence of very low analyte concentrations. To 
generate a sensing signal in classical plasmonic systems, spectral posi-
tion of transmission or reflection maxima is monitored, which corre-
sponds to the plasmonic mode excited by the nano-features employed in 
the system [1]. The major disadvantage of this method is its low 
limit-of-detection as it depends only on a single spectral data. For 
instance, in the presence of low number of analytes, the change within 
the effective refractive index of the medium in the vicinity of the plas-
monic substrate could be very weak, i.e., it may not create sufficient 
spectral variations within the plasmonic response [24,31,34,35]. In 
order to address this problem, instead of monitoring spectral variations 
at a single wavelength, we cumulatively monitored spectral variations 
within multiple wavelengths around the EOT response. Hence, more 
sensitive sensing data could be created compared to the one relying only 
on a single spectral position. In order to consider multiple spectral 
variations, we calculated the integral of EOT response within a 
35-nm-wide spectral window highlighted with a gray area in Fig. 7B. 
Here, specifying the spectral position of the integral window is very 
critical to reliably provide sensing signals. Considering the Lorentzian 
shape of the EOT response and the spectral position of the EOT response 
determined for the largest virus titer, e.g., 107 TCID50/mL, positioning at 
~551 nm, we positioned the spectral window at 553 nm. Consequently, 
the maximum of the EOT response for each virus titer positions at 
shorter wavelength compared to the integral window. Hence, for the 
calculation of the spectral integral, only the transmission values on the 
right side of the EOT resonance were used, which prevents any 

Fig. 6. (A) The CMOS camera image showing control and sensor regions on the plasmonic chip. (B) 3D-representation of the diffraction field distributed across the 
sensor region. (C) Average diffraction field intensities calculated for control (orange) and sensor (black) regions upon the binding of protein A/G, protein IgG and 
H1N1 virus. Calculations were performed in the regions denoted with white squares in Fig. 6A. Figure inset shows the real CMOS images of the sensor region for each 
binding step. 
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miscalculation due to the Lorentzian shape of the EOT resonance. 
Fig. 7C shows the spectral integral values calculated for different 

virus titers. Here, as the virus titer increases, the number of H1N1 virus 
attaching on the gold sensing surface increases. The increase in the 
accumulated biomass on the sensor surface increases the effective 
refractive index, which shifts the EOT resonance to longer wavelengths. 
Thus, the EOT response and the integral window better spectrally 
overlap, i.e., larger transmission values fall into the integral window, 
and the spectral integral value increases accordingly. Here, we used the 
virus titers, e.g., 102, 103, 104, 105, 106 and 107 TCID50/mL. Solutions 
with different virus titers were incubated on separated locations on the 
same plasmonic chip. Using the same chip for all virus titers eliminates 
any contribution from the plasmonic chip on determining system LOD. 
We pipetted samples containing 10 μL virus solution prepared in sterile 
PBS that covers an area of 350 μm diameter on the plasmonic chip 
surface. Such area on the chip surface contains a number of nanoholes 
providing sufficient signals for both spectrometer- and camera-based 
spectral read-out [23]. Figure shows the mean spectral integral values 
(black squares) of three independent experiments with error bars twice 
the standard deviation (SD). For each concentration, we calculated the 

relative standard deviation (RSD = 100 × SD / mean), where we showed 
excellent repeatability, e.g., 5.93 %, 4.58 %, 5.29 %, 4.19 %, 4.07 %, 
2.71 %, and 2.69 % for IgG, 102, 103, 104, 105, 106 and 107 TCID50/mL 
virus titer, respectively. The spectral integral value for each virus titer 
could be distinguished from the initial integral value (blue square cor-
responds to the EOT response of the IgG coated nanohole arrays). Thus, 
the LOD for the classical spectrometer-based platform was determined 
as 102 TCID50/mL, highlighted with a red line in Fig. 7C. 

Finally, we determined the LOD of the portable biosensor employing 
camera-based spectral read-out. Fig. 7D shows the diffraction field in-
tensity values determined for each virus titer, e.g., the mean values 
(black squares) with errors bars of twice the standard deviation deter-
mined from 3 independent experiments. In order to ensure a fair com-
parison between two techniques, we used the same plasmonic chips for 
spectrometer- and camera-based experiments. For each concentration, 
we calculated RSD as 0.53 %, 0.66 %, 0.65 %, 0.50 %, 0.60 %, 0.70 %, 
and 0.56 % for IgG, 102, 103, 104, 105, 106 and 107 TCID50/mL virus 
titer, respectively, which demonstrates their excellent repeatability. 
Here, the diffraction field intensity created by each titer could be 
differentiated from the initial value, except the one determined for 102 

Fig. 7. (A) EOT response after the addition of control antibody (black) and H1N1 virus (red). H1N1 virus does not lead any spectral variation within the EOT 
response of the control antibody-coated nanohole arrays. (B) EOT response after the addition of H1N1 antibody (blue) and H1N1 virus (green). H1N1 virus shifts the 
EOT response of the H1N1 antibody-coated nanohole arrays to longer wavelengths. (C) Spectral integral values determined by the spectrometer-based read-out 
scheme, and (D) diffraction field intensity values determined by the camera-based read-out scheme employed in the portable biosensor for different virus titers. The 
figure shows the mean values with error bars, twice the standard deviation from three independent experiments. Figure insets show the zoom to the lowest virus titers 
for better resolution for LOD determination. LOD’s for both techniques were highlighted with red (spectrometer) and green (camera) lines. 
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TCID50/mL. Hence, for the portable biosensor, LOD was found as 103 

TCID50/mL, highlighted with a green line in Fig. 7D. Despite holding a 
great promise as a field-deployable and cost-effective device, our 
portable biosensor provides higher LOD compared to its classical plas-
monic counterpart based on an expensive, bulky and high-resolution 
spectrometer setting. This is due to the spectral resolution of our plat-
form, which could not be sufficient to differentiate analyte concentra-
tions detected by the spectrometer-based setup. As shown in the 
Experimental Section, we utilized a spectrometer with a spectral reso-
lution, as low as, 0.09 nm, which is ultra-sensitive to minute spectral 
variations. Therefore, sensitivity of our handheld platform should be 
improved to detect virus titers in this level without sacrificing from 
portability, lightweight, compactness and low-cost which are very crit-
ical for point-of-care diagnostics. We discussed possible improvements 
along this line in the last section. 

2.8. Graphical user interface of the portable platform 

In order to evaluate the plasmonic chip through the CMOS camera, 
and provide the sensing information to the end-user via image pro-
cessing, we developed a Python™ – based GUI. As shown in Fig. 8, the 
program can directly access the camera settings, and allows the operator 
to choose the best parameters for the test. After placing the plasmonic 
chip in front of the CMOS camera, and connecting to the camera through 
GUI, the operator could see the diffraction image of the control and 
sensor regions which are digitally separated with a white column. The 
operator then takes an image and clicks on the run test button. Then, 
GUI determines the average diffraction intensity values in the region 
denoted with white squares. As determined in the previous section, LOD 
of the portable system is 103 TCID50/mL, where we can reliably deter-
mine the presence of H1N1 viruses. Here, GUI uses the ratio between the 
diffraction field intensities of sensor and control regions for 103 TCID50/ 
mL. Running the test, the program calculates the ratio between sensor 
and control, and if the calculated value is larger than the one determined 
for the LOD condition, GUI shows a warning sign for virus detection to 
the operator. Such approach eliminates any external effects with the use 
of diffraction field intensity images of the control region, which yields a 
sensing data solely related to the targeted analytes. This user-friendly 
program could be very advantageous for field operations as it does not 
require the need for well-trained professionals. 

3. Conclusion and future work 

In this article, we introduced a handheld biosensor that employs a 
plasmonic chip based on subwavelength nanohole arrays integrated to a 
lensfree-imaging framework. The biosensor uses a CMOS camera to re-
cord diffraction field intensities of nanohole arrays under an LED light 
source tuned to the plasmonic mode of interest. The platform could 
successfully detect H1N1 viruses with medically relevant concentra-
tions. We also developed a sample preparation kit to minimize 
consumable consumption without sacrificing from the sensitivity. In 
addition to the hardware development, we also developed a GUI that 
controls the CMOS camera, and provides the sensing information based 
on diffraction field images. 

Currently, human H1N1 influenza is diagnosed by real-time PCR 
detection and characterization panel, which could provide very sensitive 
and specific test results within approximately 4 h. On the other hand, 
antigen tests detect proteins on the surface of the viruses and could 
provide the virus information, i.e., the tested individual is infectious. 
Antibody tests detect antibodies against the viruses and determine the 
presence of viruses while not detecting an active infection. Unlike PCR, 
these two affordable approaches, mainly depended on a lateral flow 
scheme, could provide rapid test results without the need for bulky and 
expensive instrumentation as well as healthcare experts. However, an-
tigen tests could provide false negative results in the presence of low 
virus level, while antibody tests possess low accuracy. Here, providing 
accurate sensing data in a field-deployable and lightweight platform, 
our biosensor could be a strong candidate for the diagnosis of pathogen- 
based diseases in a cost-effective manner compared to its classical 
diagnostic counterparts. 

In this section, we also discussed possible improvements that will not 
only address the problems related to the sensing capability of the 
biosensor, but also the requirements for its commercialization. Optical 
sensitivity of the platform could be further improved by exciting plas-
monic modes with much shaper EOT signals and larger nearfield in-
tensities, e.g., Fano-resonant apertures, [36–38] or nano-gap features 
[39,40]. Employing excitation sources with narrower bandwidths, e.g., 
laser diodes, phosphor-coated or resonant-cavity enhanced LEDs could 
also dramatically improve optical sensitivity. Sensing information could 
be more accurate by creating more sensitive diffraction images with the 
use of multiple light sources. For example, employing multiple LED 
sources could create simultaneous diffraction images on the CMOS 
camera like in pinhole camera settings to monitor spectral variations at 
different spectral locations [30]. Sequentially taking CMOS images for 

Fig. 8. GUI of the handheld biosensor providing virus information by taking and processing the diffraction field image of the plasmonic chip. In the figure, GUI 
detects the presence of H1N1 viruses in sample. 
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different light sources could be also digitally merged to produce higher 
contrast between sensor and control regions [23]. Accuracy and sensi-
tivity of the CMOS camera could be improved by equipping it with a 
cooling circuit or an apparatus. 

In our handheld biosensor, we utilized a simple physisorption based 
surface modification method to reuse the plasmonic chips after a 
cleaning protocol, where the weak bonding of analytes on the sensing 
surface could be easily removed. However, towards commercialization, 
chip recycling could negatively affect test reliability, and the plasmonic 
chip should be provided as one-time-use in the presence of a deadly virus 
for biosafety concerns. Moreover, the plasmonic chip should be ready- 
to-use, where the surface is already coated with virus specific anti-
bodies as in the commercial SPR platforms. Therefore, the antibodies 
should be strongly attached on the metal, stay stable for long period of 
time (long shelf life), and provide a uniform analyte coating on the 
sensor region. This could be realized by immobilizing antibodies on the 
surface via PEGylated self-assembled monolayer (SAM) that could pro-
vide antifouling and stable coating, [41] where biotin related antibodies 
are attached on SAM coated sensing surface through streptavidin [25]. 
For the plasmonic chips in ready-to-use format, further characterization 
tests should be performed to determine the optimum wait duration 
providing a reliable sensing signal. For this proof-of-principle work, we 
incubated the viruses for 1 h on sensor surface to ensure the maximum 
sensing signal. This duration could be shortened to sub-10 min since vast 
amount of analyte binding occurs within the first couple of minutes as it 
could seen with the real-time analyte binding experiments [41]. 

Sensitivity of the platform could be further improved with nano-
particle based assays functionalized on the sensing surface by increasing 
the analyte binding sites [19]. The plasmonic chip could be manufac-
tured in a microarray format (to realize multiple sensor locations) via, e. 
g., depositing a metal layer in a well-defined pattern on the plasmonic 
chip by photolithography [23]. Hence, same pathogen test could be 
simultaneously performed in multiple locations on the same chip, which 
could bring high-throughput functionality, thus test reliability. Using 
the same micro-array format, multiple antibodies could be used to detect 
different pathogens at the same time, which is vital for the diagnostic of 
diseases related to multiple pathogens [41]. 

4. Experimental section 

4.1. Chip cleaning 

Fabrication of the plasmonic chips was performed on wafer-scale, 
and the plasmonic chips with desired dimensions were prepared with 
a wafer cutter. Here in order to protect the nanohole features, the wafer 
surface was covered with a polymer. This polymer layer was removed 
with piranha cleaning, composed of 3:1 sulfuric acid: hydrogen 
peroxide. Piranha solution could be also used to remove residues at the 
end of each test for chip-recycling. In addition to removing organic and 
inorganic contaminants from the surface, piranha cleaning also makes 
Au surface hydrophilic via allowing the adhesive force between water 
molecules and Au surface to dominate over cohesive force between 
water molecules. This hydrophilicity helps a strong analyte attachment 
on the surface by physisorption, and prevents leakage during the analyte 
incubation inside the sample preparation kit. 

4.2. Analyte immobilization 

Attachment of analytes on Au surface was realized via physisorption. 
First, 200 μg/mL protein A/G was incubated on the chip surface. Protein 
A/G binds on Au surface through physisorption. Following this, 100 μg/ 
mL protein IgG was incubated on Au surface, which binds on protein A/ 
G through its Fc region. After each protein incubation, chip surface was 
rinsed with PBS and DI-water to remove unbound protein from the 
surface. Patient-derived H1N1 viruses were received as a kind gift from 
the Department of Medical Microbiology, Ege University, Izmir, Turkey. 

Titer of the H1N1 virus was determined as 107 TCID50/mL. Ten-fold 
serial dilutions of the H1N1 virus were prepared in sterile PBS. Then, 
the virus solution was incubated on the chip surface at room tempera-
ture followed by a wash step with sterile PBS. Virus immobilization step 
was performed in a Biosafety Level 2 (BSL-2) laboratory. Here, the in-
cubation time for each analyte was chosen as 1 h, which could alter for 
different temperatures as it is an important parameter governing the 
protein binding kinetics. 

4.3. Spectroscopy analysis 

The plasmonic chip was illuminated with a broadband white LED 
light source. The light transmitted from the chip was collected by an 
objective lens and fiber-coupled to a spectrometer with 0.09 nm spectral 
resolution. The experimental data was smoothened with a Savitzky – 

Golay filter, [42] Yj =
∑m− 1

2
i=1− m

2
Ciyj+1, m− 1

2 ≤ j ≤ n − m− 1
2 , where n{xj, yj} is 

the number EOT data, y is the EOT data, x is the wavelength, and Y is the 
smoothened EOT data. EOT data was processed with m series of C 
convolution coefficients. 
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