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A B S T R A C T   

We have introduced a lensfree optofluidic platform that incorporates subwavelength nanohole arrays, a compact 
microfluidics system, and on-chip computational imaging to enable label-free identification of biomolecular 
interactions. Our platform weighs only 260 g and has dimensions of 16 cm × 10 cm × 11 cm. It utilizes a CMOS 
imager to capture plasmonic diffraction field images, offering a wide field-of-view of up to 11.5 mm2 for 
refractive index sensing. To illuminate the plasmonic chip, we employ an LED source positioned close to the 
transmission resonance of the nanohole arrays. This LED source creates diffraction patterns on the imager. The 
platform ensures the targeted delivery of analytes to the ligand-coated sensing surface using microfluidics. By 
analyzing real-time variations within the diffraction field images, we could reveal the time-dependent binding 
dynamics of biomolecules. Our platform has demonstrated an experimentally obtained limit of detection (LOD) 
as low as 5 ng/mL for protein IgG. Furthermore, based on the real-time diffraction field images, we successfully 
determine the association and disassociation constants, which account for the binding and detachment between 
protein A/G and IgG. We have also developed a software that allows full control of the hardware settings of the 
portable platform, including the camera and pump system. This software also incorporates an image-processing 
algorithm to calculate the binding parameters for the analytes of interest. Providing high-quality sensing ca
pabilities in a cost-effective infrastructure, we believe that our optofluidic biosensor platform offers significant 
advantages for surface plasmon resonance (SPR) applications for field-settings.   

1. Introduction 

Compact and portable biosensing technologies are crucial for 
replacing classical counterparts that require bulky and expensive 
equipment and sophisticated infrastructure. By employing these easy-to- 
use and low-cost devices, biosensing tests could be conducted in 
resource-poor settings, accelerating the decentralization of applications 
reliant on biosensors [1,2]. One important biosensing approach is the 
use of optics, which could be either in labeled or label-free format [3]. 
Biosensors utilizing optical labels, e.g., fluorescent dyes, are widely used 
to detect analytes such as proteins, nucleic acids, or pathogens.[4] 
However, fluorescence labeling has several drawbacks, including 
expensive and complex sample preparation protocols, the risk of 

mismatch between the number of fluorophores and the targeted analyte, 
and photo-bleaching [5]. To address these limitations in optical label
ing, label-free techniques are widely preferred as they eliminate the 
need for fluorescent dyes by utilizing sensing-by-binding approaches.[6, 
7] Ideally, label-free biosensors allow for the simultaneous identification 
of multiple analytes, enabling multiplexed and high-throughput appli
cations. Various label-free sensing techniques have been introduced to 
meet this demand, including photonic crystals,[8] optical micro-
cavities,[9] surface plasmon resonance (SPR),[10] and nano-textured 
metal films [11]. Among these, subwavelength nanoholes offer signifi
cant advantages as they combine the strong properties of propagating 
and localized surface plasmons in the far- and near-field regions [12]. 
Metallic nanohole arrays, capable of confining light at the nanometer 
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scale with large electromagnetic field intensities, exhibit high refractive 
index sensitivities, making them highly promising for biodetection ap
plications.[13] In contrast to classical commercial SPR platforms that 
rely on flat metal films, nanohole arrays with their periodic lattice ge
ometry enable surface plasmon excitation even under normally incident 
light sources, simplifying optical alignment by eliminating angular 
illumination sensitivity. This collinear configuration is crucial for real
izing field-deployable biosensor platforms for point-of-care applications 
in resource-poor settings [14]. By monitoring plasmonic excitations 
through extraordinary light transmission phenomena, plasmonic sub
strates based on nanohole arrays enable signal evaluation in an array 
format using an imager instead of a spectrometer or photodetector, 
facilitating the multi-detection of analytes on the same plasmonic chip 
surface with high signal-to-noise ratio [15]. 

Despite their unique optical properties that provide strong sensitivity 
for biosensing applications, techniques relying on these plasmonic 
nanohole arrays require the use of benchtop read-out instrumentation, 
which increases costs and limits their use in field settings. Thus, there is 
a need for field-deployable biosensors that could allow high-throughput 
biosensing without the need for optical labels [16,17]. In this regard, we 
recently introduced a handheld and lens-free plasmonic biosensor that 
integrates plasmonic nanohole arrays and computational on-chip im
aging to detect ultrathin layers of protein complexes [18]. We success
fully employed this technology for virus detection, demonstrating its 
potential use for disease diagnosis in field settings [19]. By integrating 
this plasmonic read-out scheme with a microfluidic chamber and an 
external bulky syringe pump setup, we could monitor in real-time the 
simultaneous binding events between protein molecules on the surface 
of a plasmonic chip composed of periodic nanoholes [20]. 

In this paper, we take a significant stride towards advancing the 
application of our handheld biosensor technology for commercial sur
face plasmon resonance (SPR) applications. Our innovative approach 
combines the plasmonic read-out scheme with a compact microfluidic 
framework on a single portable platform, pushing the boundaries of this 
technology. By integrating the plasmonic substrate into a microfluidic 
chamber, we enable the binding of analytes on the plasmonic surface 
while maintaining precise control over the flow through a custom-made 
pump setting. Notably, we introduce a straightforward, low-cost, and 
cleanroom-free manufacturing technique to realize the microfluidic 
chamber, underscoring the practicality and accessibility of our 
approach. To delve deeper into the binding mechanisms between ana
lytes, we harness the power of both a CMOS camera and the pump 
simultaneously, capturing real-time plasmonic images. This synergistic 
combination empowers us to unravel the intricate details of the analyte 

interactions. Furthermore, we employ a cost-effective and high- 
throughput nanofabrication technique to fabricate nanohole arrays, 
enhancing the performance and scalability of our handheld platform. 
Notably, we depart from our previous versions, which relied on com
mercial programming languages for biosensing information extraction 
or separate control of external devices using proprietary software. 
Instead, we have developed our own software that efficiently operates 
all the constituent hardware components of the lens-free platform. This 
comprehensive software not only facilitates functionality but also pro
cesses plasmonic diffraction field images to provide valuable sensing 
information. With these advancements, our handheld biosensor tech
nology stands as a significant leap forward, opening new possibilities for 
rapid and field-deployable biosensing applications in various domains. 

2. Optofluidic plasmonic biosensor platform 

Fig. 1A and 1B depict the schematics and photograph of the opto
fluidic plasmonic platform, respectively. To facilitate the acquisition of 
high-quality diffraction field images by minimizing background noise 
and consolidating all hardware components, we fabricated a case using 
filament-based 3D-printing technology. This box provides a dark envi
ronment for optimal imaging conditions. The platform comprises four 
main components: (i) Plasmonic Chip, (ii) Imaging Module, (iii) 
Microfluidic Module, and (iv) Software Module. The Plasmonic Chip 
consists of a thin gold film embedded with periodic nanohole arrays. In 
the Imaging Module, a red LED (light-emitting-diode) source illuminates 
the plasmonic chip, while a CMOS camera (Complementary Metal Oxide 
Semiconductor) captures the transmitted light, enabling the recording of 
diffraction field patterns produced by the plasmonic nanoholes. The 
Microfluidic Module incorporates a one-channel polydimethylsiloxane 
(PDMS)-based microfluidic chamber and a micro-controller-driven 
piezo-pump system. This module facilitates precise delivery of analy
tes to the sensing surface, which is functionalized with capturing li
gands, allowing real-time monitoring of binding events (as shown in 
Fig. 1C). The Software Module consists of a user-friendly graphical user 
interface (GUI) that facilitates simultaneous control of the optical and 
microfluidic components. Additionally, it incorporates an image- 
processing algorithm that utilizes real-time plasmonic diffraction field 
images to determine the relevant binding parameters. System control 
and feeding could be achieved via either a notebook or single board 
computer, where the communication between Imaging Module and 
Microfluidic Module are realized through USB (universal serial bus). 

Fig. 1. (A) Schematics and (B) photograph of the portable plasmonic platform designed for assessing real-time biomolecular interactions in field-settings. (C) 
Schematics illustrating the targeted delivery of analytes onto the ligand-immobilized surface of the plasmonic chip, leading to variations in the intensity of the 
recorded diffraction field images under LED illumination, as captured by a CMOS camera. 
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3. Plasmonic chip 

The plasmonic chip is constructed with subwavelength nanohole 
arrays fabricated on a 120 nm gold film. The nanoholes were inten
tionally designed to have a diameter of 150 nm, and the array was 
created with a periodicity of 450 nm. This choice of dimensions ensures 
that the transmission resonance supported by the nanohole arrays aligns 
spectrally with the LED source. Furthermore, the selection of these 
specific geometrical parameters aimed to induce a plasmonic resonance 
within an elevated wavelength range, as modes at longer wavelengths 
exhibit higher refractive index sensitivities [21]. This choice was made 
while considering the wavelength range corresponding to the optimal 
quantum efficiency of the CMOS camera. The supporting substrate 
beneath the gold film is made of fused silica (glass) coated with a 
100 nm silicon nitride film (SiN). This thin SiN interlayer serves as a 
high refractive index material, effectively eliminating undesired plas
monic modes between the gold film and fused the silica substrate. It 
enables an isolated and well-defined plasmonic resonance within the 
desired spectral region [22]. Fig. 2A illustrates the optical response of 
the nanohole arrays in phosphate-buffered saline (PBS) medium, 
demonstrating a transmission resonance occurring at ~665.1 nm. This 
resonance arises from surface plasmon excitations at the top surface of 
the gold film along the interface between the PBS medium and the gold 
film, specifically the Au/Med(1,0) mode. To investigate the origin of this 
transmission resonance, finite-difference time-domain (FDTD) simula
tions were conducted. The simulation employed periodic boundary 
conditions along the xy-plane to replicate array behavior, while a 
perfectly matched layer was utilized along the propagation direction 
(z-axis). Refractive index data for the materials comprising the plas
monic chip was obtained from [23]. Nearfield calculations of the mag
netic field reveal the modality of the transmission resonance, which 

combines both localized and propagating surface plasmons (Fig. 2A 
inset). When illuminated with an x-polarized light source, the magnetic 
field distribution associated with this mode exhibits two symmetric 
standing field patterns along the x-axis, indicating the presence of two 
counter-propagating surface plasmons. Additionally, two hot spots at 
the aperture rims arise from the localized surface plasmons along the 
y-axis. The electric field distribution (Fig. 2B - left) confirms the dipolar 
nature of the mode, with intense field enhancements localized around 
the nanohole rims along the x-axis. These local fields, concentrated 
around the top gold surface rims, extend into the surrounding medium 
(Fig. 2B - right), making them accessible to analytes captured on the gold 
sensing surface. Notably, due to the circular shape of the subwavelength 
nanoholes, which exhibits symmetry in all directions, an unpolarized 
LED source was employed in the imaging module. This configuration 
ensures that local fields are concentrated uniformly along the rims, 
resulting in stronger sensitivities compared to those achieved with a 
polarized incident field. 

The choice of the fabrication method depends on the specific re
quirements of the plasmonic device. To ensure reliable sensing data, a 
robust imaging technique is needed, which could be achieved with 
plasmonic diffraction fields uniformly distributed over a large area. To 
address this requirement, we employed a high-throughput fabrication 
method suitable for high-resolution and large-area fabrication using 
deep ultraviolet (UV) lithography (Fig. 2C). The fabrication process was 
carried out on a 4-inch fused silica wafer coated with a 100 nm LPCVD 
(low-pressure chemical vapor deposition) silicon nitride film. Firstly, we 
deposited a 120 nm gold layer on the silicon nitride interlayer, utilizing 
a 5 nm chromium (Cr) adhesion layer. The gold surface was then coated 
with a resist, and subjected to deep UV lithography. After development, 
dry etching was performed using a mixture of sulfur hexafluoride (SF6) 
and argon (Ar) to create apertures through the resist and gold film. The 

Fig. 2. (A) Transmission spectrum of the nano hole arrays. Inset: The y-component of the magnetic field intensity calculated at the top surface of the gold film under 
an x-polarized light source. The inset also shows the polarization and propagation directions of the incident light source. (B) Electric field intensity calculated at the 
top surface of the gold film and its cross-sectional profile. (C) Steps of the high-throughput fabrication technique based on deep-UV lithography. (D) Bright-field 
microscopy image and SEM image of the plasmonic chip. 
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remaining resist was removed from the gold surface using oxygen (O2) 
plasma. Finally, the wafer was diced to obtain 2 × 1 cm2 plasmonic 
chips. This fabrication technique significantly increased throughput by 
allowing simultaneous production of multiple plasmonic chips on the 
same wafer, unlike classical techniques based on electron-beam lithog
raphy, where plasmonic chips with subwavelength features must be 
produced sequentially. In Fig. 2D, the bright-field microscopy image 
demonstrates well-defined and uniformly distributed subwavelength 
nanoholes over a millimeter scale, and the scanning electron microscopy 
(SEM) image confirms the quality of our fabrication. Although our 
fabrication method relies on a sophisticated and expensive infrastruc
ture, such as a cleanroom, the high-throughput nature of our technique 
greatly reduces the cost of each chip to ~$3. While there are other 
techniques available in the literature for realizing plasmonic structures, 
such as self-assembly techniques or chemical synthesis and deposition 
offer cost advantages, they have limitations in terms of resolution, 
replicability, scalability, or complexity of the plasmonic structures. 

4. Imaging module 

Fig. 3A depicts the imaging module of the portable platform, which 
includes an LED light source and a CMOS camera. The plasmonic chip is 
positioned directly in front of the camera, secured by a rectangular- 
shaped holder to ensure its stability during the real-time measure
ments. Our technology employs an imaging-based methodology to 
determine the real-time refractive index changes resulting from the in
crease in the biomass on the plasmonic chip surface. By utilizing the 
system software, the operator can select a specific area on the plasmonic 

chip to monitor the diffracting field intensity images in real-time. This 
approach resembles the spectrometer-based read-out schemes that rely 
on spectral variations within the plasmonic resonances, which are 
calculated from a single location on the plasmonic chip surface. In 
Fig. 3B, the optical characteristics of these components are shown, along 
with the transmission spectrum of the plasmonic chip functionalized 
with protein mono- and bilayers under the PBS solution. Our technology 
relies on sensing-by-binding, where the accumulation of analytes on the 
sensing surface alters the effective refractive index of the adjacent me
dium, resulting in a shift of the transmission resonance towards longer 
wavelengths. In our platform, we monitor the variations in diffraction 
field intensity images to obtain spectral read-out. To induce diffraction 
field intensity changes upon analyte attachment, we utilize an LED 
source (Ushio Opto Semiconductors, Inc., L690–02 AU) positioned at a 
wavelength of approximately 691.4 nm (red curve), which is longer 
than the transmission resonance of the plasmonic chip when saturated 
with the target analytes. This ensures that the transmission resonance 
always lies at shorter wavelengths than the LED source, preserving the 
Lorentzian shape of the resonance and ensuring reliable sensing data. 
For our intensity-based sensing approach, we chose a monochromatic 
CMOS camera (Thorlabs Inc., DCC1545M) with a high quantum effi
ciency within the relevant spectral window (black curve). Using USAF 
1951Resolution Target, we determined the spatial resolution of the 
system as ~140.25 µm per line pair. The image resolution is high 
enough for our imaging-based methodology, which allows us to create 
diffraction field intensity images and determine spectral variations 
resulting from changes in biomass on the sensor surface. 

In order to illustrate the working principle of our imaging-based 

Fig. 3. (A) The imaging module of the portable plasmonic platform, comprising an LED light source and a CMOS camera. (B) Transmission resonance of the nanohole 
arrays functionalized with protein A/G (blue) and protein IgG (green) under PBS medium, along with the radiation power of the LED (red) and the quantum ef
ficiency of the CMOS camera (black). (C) CMOS camera image of the plasmonic chip integrated into a one-channel microfluidic chamber containing PBS solution. (D) 
Three-dimensional visualization of the diffraction field intensities of the nanohole arrays functionalized with protein A/G and IgG. (E) Averaged diffraction field 
intensities calculated within various measurement areas on the same CMOS image of the plasmonic chip. 
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platform, we employed protein A/G (Thermo Fisher Scientific Inc.) as 
the ligand protein immobilized on the sensing surface and protein IgG 
(Sigma-Aldrich®) as the targeted analyte. Protein A/G is a recombinant 
fusion protein containing the binding domains of protein A and G [24]. 
Initially, the gold sensing surface was functionalized with protein A/G 
through physisorption, where the protein was simply pipetted on the 
chip surface, allowing for the attachment of protein IgG to form a strong 
protein bilayer through the Fc region. The transmission resonance, 
initially positioned at ~665.1 nm (Fig. 2A), shifted to ~668.2 nm (blue 
curve) and ~680 nm (green curve) after functionalizing the surface with 
100 µg/mL protein A/G and 100 µg/mL protein IgG, respectively. All 
measurements were conducted in PBS medium. In Fig. 3C, the CMOS 
camera image of the plasmonic chip under PBS is presented, demon
strating the uniform diffraction field intensity across the 3.4 mm wide 
microfluidic channel. Fig. 3D presents the three-dimensional visualiza
tion of the diffraction field intensities corresponding to protein A/G and 
protein IgG attachments on the plasmonic chip surface. As anticipated, 
upon IgG immobilization, there is an additional spectral shift, effectively 
moving the transmission resonance towards longer wavelengths, align
ing it more favorably with the LED response, resulting in a discernible 
increase in the diffraction field intensity compared to the case of protein 
A/G immobilization. The wide field-of-view of the camera, approxi
mately 4.1 mm × 2.8 mm = ~11.5 mm2, allows for monitoring binding 
events at multiple locations, which is crucial for obtaining reliable 
sensing data by simultaneously combining multiple spectral information 
using the diffraction field intensity changes [25]. Due to the homoge
neous and uniformly distributed nanohole openings across the plas
monic chip surface, achieved through our precise and large-area 
fabrication method based on deep-UV lithography, our calculation 
method for determining spectral variations using diffraction field in
tensity images demonstrates remarkable robustness across various 
measurement areas on the CMOS images. As demonstrated later, we 
employ averaged diffraction field intensities for real-time binding ki
netic analysis, where the operator selects the measurement area using 
our Software Module. For instance, Fig. 3E shows the averaged 
diffraction field intensities for different measurement areas on the same 
CMOS image, with the variation between each calculation, e.g., as low 
as 0.81%, proving the accuracy and reliability of our approach. 

5. Microfluidic Module 

The microfluidic module of the portable biosensor platform consists 
of two main components: (i) a one-channel PDMS-based microfluidic 
chamber, and (ii) a micro-controller driven piezo-pump system. To 
fabricate the microfluidic chamber, we used a mold created by CNC 
drilling on a 1.6 mm thick FR4 PCB plate coated with a thin copper film.  
Figs. 4B and 4C-top illustrate the schematic and photograph of the PCB 
mold, respectively. Fig. 4C-bottom shows the one-channel microfluidic 
chamber bonded to the plasmonic chip surface. The microfluidic chan
nel has dimension of 6.7 mm × 3.4 mm, which is partly captured by the 
CMOS camera. Due to the CNC drilling marks on the PCB mold, the 
PDMS surface left an uneven surface that needed to be bonded to the 
plasmonic chip. Therefore, a thin layer of liquid PDMS was applied to 
the PDMS surface instead of using plasma activation. The PDMS layer 
was then placed on the plasmonic chip surface, and cured at 70 ◦C to 
ensure secure bonding (Fig. 4C-bottom). For connecting the tubing to 
the microfluidic chamber’s inlet and outlet, two connectors were 
fabricated using resin-based 3D-printing. A leak-free flow could be 
ensured by using an apparatus that sandwiches the plasmonic chip in
side. However, this requires a supporting cap underneath, which in
creases the distance between the plasmonic chip and the active area of 
the CMOS imager. In the presence of a lens-free methodology, this 
additional distance leads to the overlapping of diffraction patterns, 
potentially reducing the accuracy of intensity-based image processing. 
On the other hand, integrating the PDMS layer on the surface of the 
plasmonic chip (Fig. 4C), allows us to directly position the plasmonic 

chip on top of the CMOS camera using a 3D-printed thin holder as 
schematically illustrated in Fig. 1A. This ensures the minimum distance 
between the plasmonic chip and the CMOS imager. 

As depicted in Fig. 4A-inset, the piezo-pump system comprises a 
piezoelectric pump (Bartels Mikrotechnik GmbH, mp6-liq), a driver 
board, and a micro-controller (Arduino® Nano). The micro-controller- 
based driver board enables adjustment of the flow rates by varying the 
supply voltage of the piezoelectric pump within the range of 1.0–4.5 V. 
The micro-controller utilizes pulse-width modulation (PWM) to 
generate variable-width pulses that represent the amplitude of an analog 
signal used as input for the driver board. The frequency of the piezo
electric pump was maintained at 100 Hz to ensure that the linear rela
tionship between voltage and flow rate remained unaffected by 
frequency. The PWM signal obtained from the micro-controller was 
amplified by the driver board to operate the piezoelectric pump. To 
establish the correlation between input voltage and flow rate, calibra
tion tests were conducted using DI-water. The flow rate was measured 
for five different voltages applied over a period of 60 s. DI-water was 
chosen for the calibration tests due to its density of 1 kg/m3 , which 
allowed calculation of the flow rate based on the mass and density of the 
solution. The mass of DI-water dispensed by the pump in a specific 
duration was determined using a precision balance. The flow rate (mL/ 
min) of the piezo pumps was calculated using the formula, Flow Rate =

Mass× Density× Time(min). In Fig. 4A, it could be observed that the 
flow rate increases with the supply voltage, and a linear regression 
(black line) was fitted to the experimental data (red squares). The flow 
rate used for real-time binding experiments was set to 150 µL/min, 
which necessitates a total analyte solution volume of 2.25 mL. 

6. Limit-of-detection of the optofluidic plasmonic platform 

To determine the minimum analyte concentration detectable with 
our portable plasmonic platform (limit of detection: LOD), we conducted 
calibration tests using protein mono- and bilayers. Firstly, the plasmonic 

Fig. 4. (A) Flow rate of the piezo pump vs. the potential applied to the pump. A 
linear regression was fitted (black line) to the experimental data (red squares). 
The figure inset shows a schematic illustration of the circuit scheme for the 
micro-controller-driven piezo pump system. (B) Fabrication process of the 
PDMS microfluidic chip using CNC drilling. (C) Photographs of the PCB mold 
and the PDMS-based microfluidic chamber bonded to the plasmonic 
chip surface. 
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chip surface was functionalized with 100 µg/mL protein A/G. Subse
quently, protein IgG was immobilized on the chip surface, covering a 
wide concentration range of 1 ng/mL to 100 µg/mL. Following each 
binding step, a thorough rinsing with PBS was performed to eliminate 
any unbound proteins from the chip surface. Fig. 5A displays the 
diffraction field intensity values calculated for different IgG concentra
tions (blue squares) along with protein A/G (green square). In the figure, 
the squares represent the mean values of three independent experi
ments, while the error bars indicate double the standard deviation. As 
expected, increasing the IgG concentration resulted in a shift of the 
transmission resonance towards longer wavelengths, leading better 
overlap with the light source. Consequently, the diffraction field in
tensity values gradually increased with protein concentration, reaching 
saturation at high IgG concentrations (e.g., 50 µg/mL) due to surface 
saturation with the targeted analytes. When zooming in on a very small 
concentration range of IgG, the diffraction intensity values associated 
with protein A/G (green square) and IgG concentrations (blue squares) 
from 1 ng/mL to 4 ng/mL overlapped. On the other hand, the intensity 
associated with 5 ng/mL protein IgG could be reliably differentiated 
from the others. Thus, the experimental determination of the system’s 
LOD was 5 ng/mL (highlighted in gray in the figure). 

The limit-of-detection of the biosensor system depends on the optical 
and sensitivity properties of the plasmonic chip, as well as the hardware 
settings such as the LED source and the CMOS camera. By employing 
different bulk solutions with refractive indices, for example, DI-water 
(n = 1.33), acetone (n = 1.35), ethanol (n = 1.36), and isopropanol 
(n = 1.37), we determined the refractive index sensitivity of the plas
monic chip as S = Δλ/Δn = 658.27 nm/RIU (RIU: refractive index unit) 
[26]. Supporting a transmission resonance with a linewidth of 
40.58 nm, the plasmonic chip yields a figure-of-merit, FOM 
= S/Linewidth = 16.22 [27]. In addition to the sensitivity parameters, 
the light source and the CMOS camera parameters have an effect on the 
variation between the diffraction field intensities. For example, the LED 
source response has a full-width half-maximum of FWHM = 27.6 nm, 
while the quantum efficiency of the camera slightly varies with wave
length within the spectral region of interest. Moreover, during the 
real-time binding of analytes, the transmission amplitude slightly de
creases, e.g., ~5% for the case of surface saturation with protein IgG. 
Therefore, employing plasmonic chips that exhibit sharper transmission 
resonances and support larger refractive index sensitivities, along with 
using light sources with narrower responses, could yield high-contrast 
diffraction field images. This would result in better refractive index 

sensitivities for plasmonic biosensing approaches based on an 
imaging-based read-out scheme. 

In addition to the preceding information, it is important to note that 
our low-cost manufacturing technique necessitates the application of a 
thin layer of liquid PDMS on the surface of PDMS layer. Consequently, 
the feasibility of producing multiple channels within the space required 
to align with the active area of the CMOS imager was constrained. To 
enhance the sensing capabilities of our portable platform, further 
investigation into advanced manufacturing techniques could be fol
lowed. Specifically, efforts could be directed towards realizing a sensor 
channel in conjunction with a control channel. This improvement has 
the potential to significantly enhance the detection limit by effectively 
mitigating the influence of mechanical or optical fluctuations, while also 
enabling the subtraction of background noise. By incorporating such 
developments, our sensor system could achieve higher precision and 
sensitivity in real-time measurements, contributing to the overall 
robustness and reliability of the platform. 

7. Portable platform defines molecular binding kinetics 

As demonstrated in our previous work, our handheld platform has 
the potential to detect a variety of analytes for multiplexed biosensing or 
ensure test reliability through high-throughput detection of the same 
analyte [18]. By incorporating microfluidics and monitoring multiple 
sensor locations on a single plasmonic chip, our technology also enables 
high-throughput and multiplexed biosensing for real-time binding ki
netic applications [20]. In this study, we conducted a proof-of-principle 
experiment to demonstrate our platform’s capability in elucidating the 
binding kinetics of biomolecules. Furthermore, in sharp contrast to our 
previous studies,[18–20] which primarily focused on developing 
cost-effective instrumentation, we have diligently implemented mea
sures to curtail expenses related to manufacturing, fabrication, and 
sample preparation techniques. As a result, the core essence of this 
article revolves around our unwavering dedication to determining the 
binding parameters associated with the analytes of interest, mirroring 
the approach adopted by their commercial SPR device counterparts. 
Consequently, given our adherence to an imaging-based technique, our 
primary emphasis lies on investigating these parameters from a singular 
location, much akin to the classical spectrometer-based methodologies 
employed by commercial SPR systems. The pursuit of multiplexing or 
throughput capabilities, though alluring, remains beyond the immediate 
scope of this work. 

Fig. 5. (A) Diffraction field intensity values for different IgG concentrations (blue squares) compared to the control (A/G, green square). Each square represents the 
average intensity value derived from three independent experiments, with error bars indicating double the standard deviation. The protein IgG concentration ranges 
from 1 ng/mL to 100 µg/mL. The figure inset zooms in on the IgG concentration range between 1 ng/mL and 5 ng/mL. The limit of detection (LOD) of the plasmonic 
platform is highlighted in gray. (B) Change in diffraction field intensity over a 25-minute period. Green: Protein A/G-coated chip, Blue: Response change of the chip 
after infusion of protein IgG solution, Orange: Surface saturation with protein IgG. 
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Specifically, we investigated the interaction between protein A/G 
and IgG to provide a clear demonstration. To achieve this, we flowed a 
target solution containing protein IgG over the nanohole surface func
tionalized with A/G, resulting in the formation of the IgG-A/G protein 
complex. The binding process between these two proteins is governed by 
the association constant, ka. The kinetics of the molecular interaction 
between protein A/G and IgG over time could be modeled according to 
reference [28]. 

d[IgG − A/G]

dt
= ka[IgG][A

/

G] − kd[IgG − A
/

G]

where kd is the disassociation constant for protein A/G and IgG. Here, 
the rate of change in the diffraction field intensity is associated with the 
formation of the IgG-A/G protein complex. Specifically, the integral of 
the time-dependent molecular interaction kinetics provides insights into 
the association – disassociation rate relationship. 

ΔI(t) = ka[IgG]ΔImax
1 − e(− ka [IgG]+kd )t

ka[IgG] + kd  

where ΔImax is the maximum diffraction field intensity change associ
ated with the nanohole surface saturated with protein IgG, and ΔI(t) is 
the change in the intensity at time t. Arranging the terms yields, 

ΔI(t) = ΔI0
(
1 − e− Ct)

C = ka[IgG] − kd

ΔI0 =
ka[IgG]ΔImax

ka[IgG] + kd  

where [IgG] is the concentration of protein IgG. 
Fig. 5B depicts the variation in the diffraction field intensity as 

protein IgG is passed over a surface coated with protein A/G over a 
duration of 25 min. The initial 6 min represent the chip’s initial 
response when coated with 100 µg/mL protein A/G, demonstrating its 
consistent behavior (green curve). Here, the surface was initially func
tionalized with a high concentration of protein A/G to saturate the 
biosensing zone with the capturing agent. This ensures the effective 
capture of the analytes by the ligand on the surface, even at very low 
concentrations. Subsequently, the attachment of protein IgG for 15 min 

resulted in an exponential increase in the diffraction field intensity (blue 
curve). Once a high protein concentration, e.g., 100 µg/mL, was 
reached, the sensing surface became saturated, and no further changes 
in intensity were observed (orange curve). The intensity value associ
ated with the situation of surface saturations is used to determine ΔImax,. 
Additionally, by employing our exponential model, we computed values 
for C and ΔI0. Using the known values of ΔImax, C and ΔI0, we calculated 
the association and dissociation constants as: ka = 3.41 × 105(1/Ms)
and kd = 5.28× 10− 7(1/s). These calculated values closely align with 
the literature values of ka = 3.11 × 105(1/Ms) and kd < 10− 6(1/s) for 
protein IgG (molecular weight of 160 kDa) [29]. 

8. Software module 

Fig. 6A shows the main panel of the Python-based Software Module, 
which is composed of a graphical user interface (GUI) and an image- 
processing algorithm. GUI enables to control the hardware compo
nents of the Imaging and Microfluidic modules of the portable plasmonic 
platform. GUI connects to the CMOS camera via the camera DLL file, and 
allows the operator to adjust parameters, e.g., exposure time and gain 
(Camera Settings panel). Operator could also capture images and save 
the frames. Pump Modes panel enables to adjust the flow rate of the 
piezoelectric pump in two different format, e.g., flow rate, or infuse 
duration and total solution volume, using the linear relationship be
tween flow rate and the applied potential as explained before. Piezo
electric pumps need to be calibrated for accurate flow rates under the 
solutions used in the binding tests. For this purpose, Pump Settings panel 
has a Pump Calibration sub-panel that enables to run the piezoelectric 
pumps for up to 10 potential values between 0 and 4.5 V under the 
calibration solutions with the user given density values. For an accurate 
flow rate calculation, minimum 5 potential values were driven, and the 
calibration reliability was ensured with up to three times test repetition 
for each value. Calculation of the binding constants is performed in 
Biosensor Settings panel that uses the real-time binding equation based 
on the diffraction field intensities and the user given parameters, e.g., 
molarity (M = mol/L), or concentration (µg/mL) and molecular weight 
(kDa). This panel also allows the operator to observe the diffraction field 
images in real-time. The operator can select a region on the image of the 
plasmonic chip using the SENSOR icon. Subsequently, the software 

Fig. 6. (A) Main panel of the graphical user interface (GUI) enabling hardware control and binding constant calculations. (B) Calibration sub-panel for piezo pump 
calibration with user-provided solutions. 
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calculates the average diffraction field intensity within this selected 
region for each frame, and plots the intensity in real-time, considering 
the time interval chosen by the operator between each frame. Finally, 
the operator calculates the association and disassociation constants, ka 

(1/Ms) and kd (1/s), using the real-time exponential relationship be
tween diffraction field intensity and analyte concentration. This soft
ware possesses the capability to interface with various hardware 
components through their DLL files or a micro-controller, such as 
Arduino. Consequently, it can be easily adapted to work with different 
cameras or pumps. 

9. Discussion 

The presented handheld technology possesses the attributes of 
portability, cost-effectiveness (~$500), and rapidity, rendering it a 
favorable option for scenarios where the paramount factors entail 
mobility, economic efficiency, and swift processing. One such illustra
tive application of this technology lies in point-of-care diagnostics or 
field settings, where its attributes are highly advantageous. On the other 
hand, SPR (Surface Plasmon Resonance) represents an expensive 
benchtop technology (typically >$100,000 and 10–20 kg) distinguished 
by a broader dynamic range with heightened specificity and sensitivity 
(10–100 pg/mL) [30]. Thus, it emerges as a commendable choice for 
contexts demanding extensive dynamic coverage and elevated levels of 
selectivity. Notably, its employment finds pertinence in research appli
cations, wherein precision and accuracy are pivotal, as well as in drug 
development endeavors, where exacting detection and analysis are 
imperative. Furthermore, our handheld technology is easy-to-use, while 
SPR requires trained professionals. 

The indented applications of our technology offer a range of valuable 
capabilities. Firstly, it enables label-free identification of biomolecular 
interactions, allowing the detection and quantification of biomolecules 
without the use of labeling agents. This feature proves particularly 
beneficial in clinical diagnostics and environmental monitoring where 
labels may be undesirable due to potential interference or safety con
cerns. Another crucial application is the real-time measurement of 
binding kinetics of biomolecules. By assessing the rate at which bio
molecules bind to each other, researchers and scientists gain valuable 
insights into the underlying mechanisms of interactions. This informa
tion could lead to the development of novel therapeutic drugs and 
enhance our understanding of biological processes. Furthermore, the 
platform’s portability and cost-effectiveness contribute to its versatility. 
It becomes well-suited for various settings, including clinical labora
tories, research facilities, and even on-site field use. This portability 
facilitates convenient and widespread access to binding kinetic mea
surement capabilities, democratizing the technology’s use and impact. 

As for potential users, clinicians stand to benefit significantly from 
our handheld binding kinetic measurement system. It empowers them to 
diagnose diseases more accurately and monitor treatment effectiveness, 
leading to improved patient outcomes and personalized medical in
terventions. Likewise, researchers could find great value in the tech
nology, as it opens up new avenues for studying intricate biomolecular 
interactions. By elucidating the binding kinetics of molecules, re
searchers could advance their understanding of biological processes and 
develop innovative therapeutic approaches. Moreover, environmental 
scientists could utilize this system to monitor pollutant levels in the 
environment effectively. Its ease of use and real-time capabilities make it 
a valuable tool for assessing and addressing environmental challenges, 
contributing to more sustainable practices. Beyond the specified users, 
the system’s applications extend to a diverse range of professionals. 
Pharmaceutical scientists could harness its potential in drug develop
ment, while food safety inspectors could ensure the quality and safety of 
food products. Even forensic scientists could benefit from this technol
ogy in their investigations. Therefore, our handheld binding kinetic 
measurement system presents a versatile and impactful tool with 
widespread applications. Its label-free identification, real-time kinetic 

measurement, portability, and cost-effectiveness cater to the needs of 
various sectors, revolutionizing biomolecular research, diagnostics, and 
environmental monitoring across diverse fields of expertise. 

10. Conclusions 

In conclusion, we have presented an optofluidic biosensor platform 
capable of determining the binding parameters of biomolecules. 
Leveraging the unique optical properties of plasmonic nanohole arrays, 
our platform provides accurate biosensing data at a low-cost infra
structure. The nanohole arrays are fabricated using a high-throughput, 
low-cost, and wafer-scale method, resulting in high-quality and uni
form apertures across a wide area. With the integration of a compact 
piezo pump system, we ensure precise and targeted delivery of analytes 
through a cost-effective microfluidic chamber. Real-time monitoring of 
biomolecular interactions is achieved using an inexpensive CMOS 
imager to record diffraction field images. Our platform exhibits a limit- 
of-detection (LOD) as low as 5 ng/mL for label-free detection of protein 
IgG. By analyzing the real-time diffraction field images, we could suc
cessfully determine the association and disassociation constants for 
protein A/G and IgG binding. Furthermore, we have developed a soft
ware that allows to control the hardware components of the optofluidic 
platform and includes an algorithm to process diffraction field images, 
enabling the extraction of binding parameters. With its remarkable 
capability to ascertain real-time interactions between analytes and li
gands, our deployable handheld optofluidic technology holds immense 
potential for unraveling the intricate binding kinetics between diverse 
biological and chemical molecules across different fields of application. 
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