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Abstract: In curative-intent cancer surgery, intraoperative fluorescence imaging of both diseased
and healthy tissue can help to ensure the successful removal of all gross and microscopic
diseases with minimal damage to neighboring critical structures, such as nerves. Current
fluorescence-guided surgery (FGS) systems, however, rely on bulky and rigid optics that incur
performance-limiting trade-offs between sensitivity and maneuverability. Moreover, many FGS
systems are incapable of multiplexed imaging. As a result, clinical FGS is currently limited to
millimeter-scale detection of a single fluorescent target. Here, we present a scalable, lens-less
fluorescence imaging chip, VISION, capable of sensitive and multiplexed detection within
a compact form factor. Central to VISION is a novel optical frontend design combining a
low-numerical-aperture fiber optic plate (LNA-FOP) and a multi-bandpass interference filter,
which is affixed to a custom CMOS image sensor. The LNA-FOP acts as a planar collimator to
improve resolution and compensate for the angle-sensitivity of the interference filter, enabling
high-resolution and multiplexed fluorescence imaging without lenses. We show VISION is
capable of detecting tumor foci of less than 100 cells at near video framerates and, as proof of
principle, can simultaneously visualize both tumors and nerves in ex vivo prostate tissue.

© 2024 Optica Publishing Group under the terms of the Optica Open Access Publishing Agreement

1. Introduction

A hallmark of a successful curative-intent cancer surgery is the complete removal of all disease,
both gross and microscopic, with minimal damage to neighboring healthy tissue. Surgical
guidance, however, is largely accomplished through visual and tactile feedback, which lacks
adequate contrast and sensitivity, often leading to residual disease in the patient [1]. Thus,
positive surgical margins (PSMs)—where cancer cells are detected along the margin of the
excised tissue post-operation, suggesting an incomplete resection—occur at significant rates
across all common cancers and are particularly prevalent in breast, prostate, and head and neck
cancers [2]. In prostate cancer, the focus of this work, PSM rates exceed 20%, the highest PSM
rate for men among the ten most common solid organ cancers in the US [2]. Studies show that
PSMs are highly correlated to recurrence and mortality and require adjuvant treatment, incurring
added costs, toxicity, and burden to the patient [2,3].

Across cancer types, surgeons face a common challenge—without intraoperative imaging to
assist with identifying microscopic disease, they are confronted with the difficult decision of
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empirically removing wide tissue margins that may include undetected disease but risk damage
to unseen critical structures. For example, in prostate cancer treatment, lack of visualization
results in iatrogenic damage to tumor-adjacent nerves, which remains a persistent problem in
radical prostatectomies despite advances in surgical technique [4]. Even in minimally invasive,
robot-assisted radical prostatectomies, the prevalence of erectile dysfunction, caused by damage
to the cavernous nerves, is posited to range from 10-46% at 1-year post operation [5]. Another
challenge lies in the accurate assessment of nodal involvement, which is strongly correlated
to aggressive disease and, if detected and removed, can both treat disease and guide adjuvant
therapy [6]. Overall, these challenges underscore the need for surgical guidance systems that offer
both the molecular-level contrast, sensitivity, and resolution necessary for real-time detection of
microscopic disease in addition to multiplexed sensing of diseased and healthy tissue for effective
surgical planning.

Among intraoperative imaging modalities, fluorescence imaging is uniquely suited to these
needs [7,8]. Targeted fluorescent probes offer molecular specificity and contrast that is straightfor-
ward to extend to multiple cellular targets using different color fluorophores. As a result, a variety
of contrast agents and fluorescence-guided surgery (FGS) systems are in clinical development
[9–11] and fluorescence probes exist for the detection of many common cancer types [9] and,
more recently, for critical structures such as nerves [12].

While several commercially available FGS systems allow for the clinical application of such
agents, these systems suffer from performance-limiting trade-offs between sensitivity and physical
maneuverability, as they rely on bulky and rigid optical components. The resolution and collection
efficiency (sensitivity) of an optical system are dependent on both the aperture size and proximity
to the sample. Highly sensitive microscopic detection, therefore, requires large optics placed
near the tissue. Thus, conventional high-resolution systems, such as surgical microscopes [13]
(Fig. 1(a)), employ bulky optics that obstruct the surgical workflow, limit visibility to line-of-sight
imaging, and are incompatible with laparoscopic techniques that are standard of care for radical
prostatectomies [14]. While fiber optic endoscopes [15,16] offer microscopic detection within a
smaller form factor, they are fundamentally limited by tradeoffs between flexibility and field of
view (FoV). This can lead to the use of flexible fibers with sub-millimeter FoVs, requiring long
scan times to cover the full resection cavity. Finally, laparoscopes (Fig. 1(b)), seek to enhance
maneuverability and visibility by using miniaturized optics that cover a wide FoV [17]. However,
miniaturized optics have small apertures that limit sensitivity and resolution. Moreover, to cover
and maintain focus across a large and depth-varying surgical FoV, a long working distance and a
large depth-of-field—both inversely related to resolution and collection efficiency—are required,
resulting in further performance limitations. An extended quantitative discussion of laparoscopes
is presented in Supplement 1 section 1.1. Thus, while many practical FGS systems are effective
at detecting millimeter-scale tumor foci, they are incapable of identifying microscopic disease on
the order of hundreds of microns or smaller [18]. Compounded with the absence of multiplexed
fluorescence capabilities on many systems [19], this lack of sensitivity prevents conventional
FGS systems from taking full advantage of the molecular specificity and multicolor contrast
offered by fluorescent probes.

To address these needs in next-generation FGS, we introduce a lens-less and chip-based
fluorescence imaging platform, VISION (Versatile Imaging Sensor for Intra-Operative Navigation)
(Fig. 1(c)), capable of sensitive and multiplexed intraoperative imaging within a compact form
factor. In contrast to conventional FGS systems, VISION takes advantage of contact imaging
to eliminate bulky optical lenses and their associated tradeoffs. In contact imaging, the image
sensor is placed in direct contact with the tissue to capture fluorescence emissions before they
diverge [20]. This approach allows for adequate resolution without lenses and high collection
efficiencies necessary for microscopic detection. Furthermore, CMOS technology enables full
sensor integration within a single chip and an inherently array-like structure which can be scaled
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results in iatrogenic damage to tumor-adjacent nerves, which remains a persistent problem in 
radical prostatectomies despite advances in surgical technique [4]. Even in minimally invasive, 
robot-assisted radical prostatectomies, the prevalence of erectile dysfunction, caused by 
damage to the cavernous nerves, is posited to range from 10-46% at 1-year post operation [5]. 
Another challenge lies in the accurate assessment of nodal involvement, which is strongly 
correlated to aggressive disease and, if detected and removed, can both treat disease and guide 
adjuvant therapy [6]. Overall, these challenges underscore the need for surgical guidance 
systems that offer both the molecular-level contrast, sensitivity, and resolution necessary for 
real-time detection of microscopic disease in addition to multiplexed sensing of diseased and 
healthy tissue for effective surgical planning.

Among intraoperative imaging modalities, fluorescence imaging is uniquely suited to these 
needs [7,8]. Targeted fluorescent probes offer molecular specificity and contrast that is 
straightforward to extend to multiple cellular targets using different color fluorophores. As a 
result, a variety of contrast agents and fluorescence-guided surgery (FGS) systems are in 
clinical development [9–11] and fluorescence probes exist for the detection of many common 
cancer types [9] and, more recently, for critical structures such as nerves [12,13]. 

While several commercially available FGS systems allow for the clinical application of 
such agents, these systems suffer from performance-limiting trade-offs between sensitivity and 
physical maneuverability, as they rely on bulky and rigid optical components. The resolution 
and collection efficiency (sensitivity) of an optical system are dependent on both the aperture 
size and proximity to the sample. Highly sensitive microscopic detection, therefore, requires 
large optics placed near the tissue. Thus, conventional high-resolution systems, such as surgical 
microscopes [14] (Fig. 1a), employ bulky optics that obstruct the surgical workflow, limit 
visibility to line-of-sight imaging, and are incompatible with laparoscopic techniques that are 
standard of care for radical prostatectomies [15]. While fiber optic endoscopes [16,17] offer  
microscopic detection within a smaller form factor, they are fundamentally limited by tradeoffs 
between flexibility and field of view (FoV). This can lead to the use of flexible fibers with sub-
millimeter FoVs, requiring long scan times to cover the full resection cavity. Finally, 

Fig. 1. Comparison of conventional FGS systems with VISION. (a) Surgical microscopes have limited 
maneuverability and visibility and are incompatible with minimally invasive surgical techniques. (b) 
Laparoscopes use miniaturized optics that cover a wide depth-varying FoV, resulting in reduced sensitivity. 
(c) Conceptual diagram of VISION. VISION eliminates bulky optical lenses through contact imaging to 
allow for both a compact form factor and high collection efficiencies necessary for microscopic detection. 
Moreover, the optical frontend presented in this work enables multicolor fluorescence imaging for 
simultaneous visualization of both tumor and nerves.

Fig. 1. Comparison of conventional FGS systems with VISION. (a) Surgical micro-
scopes have limited maneuverability and visibility and are incompatible with minimally
invasive surgical techniques. (b) Laparoscopes use miniaturized optics that cover a wide
depth-varying FoV, resulting in reduced sensitivity. (c) Conceptual diagram of VISION.
VISION eliminates bulky optical lenses through contact imaging to allow for both a compact
form factor and high collection efficiencies necessary for microscopic detection. Moreover,
the optical frontend presented in this work enables multicolor fluorescence imaging for
simultaneous visualization of both tumor and nerves.

to accommodate FoVs on the order of 1 cm2 without significant trade-offs in resolution [20].
Therefore, the full imaging system can have a planar form factor on the scale of single chip,
converting the optical image to an electronic one at the point of imaging, and connected to
external hardware through only a few flexible wires. This facilitates eventual integration on the
surface of surgical tools and manipulation of the sensor within the resection cavity including to
image non-line-of-sight regions.

Despite these advantages, fluorescence contact imaging comes with two unique optical design
challenges: (1) integrating high-performance, customizable, multicolor fluorescence emission
filters on chip and (2) achieving microscopic resolution without lenses. In this work, we improve
on our prior work in chip-based FGS [21–23], introducing a novel optical frontend design that
addresses both challenges. Our design consists of a multi-bandpass thin-film interference filter
directly coated on a low-numerical-aperture fiber optic plate (LNA-FOP). The LNA-FOP is
strongly absorptive of off-axis light and acts as a planar collimator, both to compensate for
sensitivity the interference filter and to substantially improve imager resolution by eliminating
divergent emissions. This innovation enables the use of high-performance interference filters
without conventional focusing optics or lower-performance absorption filters, opening the door
to multiplexed fluorescence microscopy on-chip with VISION. Fabricating this optical frontend
on our custom-designed CMOS image sensor, we show that VISION achieves a resolution of
110 µm and can detect individual cell clusters of less than 100 cells at near video frame rates.
Moreover, we image (ex vivo) resected patient prostate tissue illustrating three important clinical
scenarios in FGS: (1) detection of microscopic disease at the resection margin, (2) simultaneous
identification of tumor and nerves, and (3) assessment of spread beyond the primary site.



Research Article Vol. 15, No. 3 / 1 Mar 2024 / Biomedical Optics Express 1764

2. Challenges in lens-less fluorescence image sensor design

Chip-based contact imagers require thin, planar alternatives to conventional fluorescence emission
filters and focusing optics. Due to the small absorption cross-section and optical properties of
conventional fluorophores, fluorescence emissions are often 4 to 6 orders of magnitude weaker
than the excitation light in intensity and red-shifted only 10-100 nm in wavelength from their
absorption peak [24]. As a result, high-performance optical filters are needed for the detection of
weak fluorescence signals from an intense excitation background.

2.1. Challenges with interference filters for lens-less fluorescence imaging

For conventional microscopes, thin-film interference filters are the gold standard for fluorescence
filtering. They can be engineered to have high out-of-band rejection, sharp cut-off transitions,
and near-total passband transmittance for any visible or near-IR spectral band as well as multiple
non-overlapping passbands for multiplexed imaging [24]. Interference filters, however, are
highly sensitive to angle of incidence (AOI) and only maintain performance specifications for
normal incident light. At off-axis AOIs, the filter passband shifts to shorter wavelengths, rapidly
increasing excitation bleed-through. This property complicates on-chip integration as without
collimating lenses it is difficult to ensure that excitation light remains perpendicular to the filter
[25]. This is especially true for in vivo contact imaging applications where the excitation light
must be introduced at an angle between the tissue and the sensor.

2.2. Limitations of prior on-chip fluorescence filter designs

As a result, previously published on-chip fluorescence filter designs rely primarily on absorption
filters, which are inherently angle-insensitive but have limited design versatility and inferior
performance. Absorption filters can be fabricated using a colored dye [26–29] or semiconducting
material [30,31] that selectively absorbs excitation light while passing emitted fluorescence. As
the absorption spectra is material dependent, different materials and/or fabrication processes
must be used to image a new fluorescence wavelength, limiting design flexibility. Moreover,
absorption filters have gradual cut-off transitions and significant passband losses that reduce
fluorescence collection efficiencies. Finally, dye-based absorption filters often provide inadequate
out-of-band rejection due to autofluorescence while semiconductor-based absorption filters are
innately long-pass, reducing contrast by passing out-of-band tissue autofluorescence. Hybrid
filters combining absorption and interference filters can improve out-of-band rejection, but still
retain the poor pass-band characteristics and limited versatility of absorption filters [32,33]. As
an alternative, approaches that avoid conventional filters altogether have also been proposed, such
as using on-chip nanoplasmonic structures [34] or time-resolved imaging [23,35], but rely on
unconventional inorganic fluorophores with either sufficiently long Stokes shifts or long relaxation
times, respectively, to achieve adequate rejection. Inorganic fluorophores lack precedence for
FDA approval and are often large (10s-1000s of nm), potentially hindering biodistribution [36].

Multicolor fluorescence imaging on chip has proven an even more difficult design challenge.
Prior multicolor filter designs [37–40] rely on a hybrid approach stacking both dye-based
absorption filters and interference filters to achieve multiple passbands. Such designs require
elaborate multi-step fabrication processes and generally suffer from the limitations in versatility
and performance inherent to absorption filters.

2.3. Resolving optics for lens-less imaging

A second challenge in lens-less imager design is maintaining resolution. Without lenses,
resolution is governed by the distance between the sample and the sensor over which incident
light can diverge. For practical in vivo imaging, this distance cannot be arbitrarily small as
a separation distance between the imager and the tissue must be maintained to introduce the
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excitation light. To improve resolution, planar collimating structures can deblur the image by
eliminating divergent emissions at the cost of reduced collection efficiency. These structures
can be integrated on-chip as angle-selective gratings (ASGs) fabricated in the metal layers
[41,42] or introduced externally with a fiber optic plate [33,38]. Alternatively, coded apertures in
combination with computational reconstruction algorithms can be used to improve resolution as
well as to recover depth information, but require complex calibration routines, hand-optimized
reconstruction algorithms, and constraints on the image sparsity and signal-to-noise ratio (SNR),
limiting the robustness of these methods in low-latency in vivo applications [37,43,44].

3. Materials and methods

3.1. Optical frontend design

Our optical frontend design (Fig. 2(a)) harnesses the complementary characteristics of a high-
performance multi-bandpass interference filter and an LNA-FOP to achieve both versatile
multicolor fluorescence filtering and enhanced imager resolution. To compensate for the
sensitivity of the interference filter to off-axis excitation, we use the LNA-FOP as a strongly
absorptive angle filter. While FOPs and interference filters have been used together in prior
on-chip fluorescence filter designs [33,38], these FOPs have NAs close to 1 and are used primarily
as a substrate for filter fabrication and to improve imager resolution, not for rejection of off-axis
excitation. Instead, in these works, dye-based absorption filters are used in combination with
interference filters to provide excitation rejection across all AOIs. Absorption filters introduce
less-ideal filter characteristics and limit design versatility such as the incorporation of multiple
bandpass regions necessary for multiplexed fluorescence imaging without sacrificing sensitivity
through pixel-level patterning of color filters. In this work, the collimating properties of the
low-NA FOP eliminate the need for additional absorption filters.

noise ratio (SNR), limiting the robustness of these methods in low-latency in vivo 
applications [38,44,45].

3. Materials and Methods 
3.1 Optical frontend design

Our optical frontend design (Fig. 2a) harnesses the complementary characteristics of a high-
performance multi-bandpass interference filter and an LNA-FOP to achieve both versatile 
multicolor fluorescence filtering and enhanced imager resolution. To compensate for the 
sensitivity of the interference filter to off-axis excitation, we use the LNA-FOP as a strongly 
absorptive angle filter. While FOPs and interference filters have been used together in prior on-
chip fluorescence filter designs [34,39], these FOPs have NAs close to 1 and are used primarily 
as a substrate for filter fabrication and to improve imager resolution, not for rejection of off-
axis excitation. Instead, in these works, dye-based absorption filters are used in combination 
with interference filters to provide excitation rejection across all AOIs. Absorption filters 
introduce less-ideal filter characteristics and limit design versatility such as the incorporation 
of multiple bandpass regions necessary for multiplexed fluorescence imaging without 
sacrificing sensitivity through pixel-level patterning of color filters. In this work, the 
collimating properties of the low-NA FOP eliminate the need for additional absorption filters. 

The LNA-FOP (Shenzhen Laser, LTD) has a NA 0.15 and is composed of a matrix of 
optical fibers embedded in black, absorptive glass (Fig. 2b). It is less than 500µm thick, contains 
fibers with a 12µm outer diameter and 10µm core, and has 40% transmittance at normal 
incidence. Light incident within the acceptance angle of the fibers is transmitted by total 
internal reflection through the fibers. Excitation light incident beyond the acceptance angle, 
that would otherwise pass through the interference filter, is attenuated in the absorptive 
sidewalls. As the LNA-FOP absorbs indiscriminate of wavelength, this technique enables the 
use of any interference filter with single or multiple passbands, allowing for a versatile design 
adaptable to any visible and NIR fluorophore and, importantly, for multicolor fluorescence 
imaging. In this work, specifically, we demonstrate dual-color imaging with a dual-bandpass 
interference filter (ETFITC/Cy5m, Chroma Technology Corp). The LNA-FOP also improves 
resolution by acting as a collimator.

3.2 Custom image sensor and optical frontend fabrication

We fabricate the proposed optical frontend design on our custom CMOS image sensor (Fig. 2c) 
presented in [22]. The 2.5x5mm chip contains a 4.4x2.2mm image sensor with an 80x36 active 
pixel array of 44x44µm2 pixels at a 55µm pitch. The sensor achieves 8.2 V s-1 pW-1 sensitivity 
at 700nm and uses correlated double sampling to attain shot-noise-limited performance in 
exposure times as short as 50ms. 

Fig. 2. VISION optical frontend design. (a) Optical frontend design consisting of a low-NA fiber optic 
plate (LNA-FOP) and a multi-bandpass interference filter. (b) Micrograph of the LNA-FOP. (c) Prototype 
of VISION with the optical frontend (OF) epoxied on top of our custom CMOS image sensor chip mounted 
on a PCB for testing.
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Fig. 2. VISION optical frontend design. (a) Optical frontend design consisting of a
low-NA fiber optic plate (LNA-FOP) and a multi-bandpass interference filter. (b) Micrograph
of the LNA-FOP. (c) Prototype of VISION with the optical frontend (OF) epoxied on top of
our custom CMOS image sensor chip mounted on a PCB for testing.

The LNA-FOP (Shenzhen Laser, LTD) has a NA 0.15 and is composed of a matrix of optical
fibers embedded in black, absorptive glass (Fig. 2(b)). It is less than 500 µm thick, contains fibers
with a 12 µm outer diameter and 10 µm core, and has 40% transmittance at normal incidence.
Light incident within the acceptance angle of the fibers is transmitted by total internal reflection
through the fibers. Excitation light incident beyond the acceptance angle, that would otherwise
pass through the interference filter, is attenuated in the absorptive sidewalls. As the LNA-FOP
absorbs indiscriminate of wavelength, this technique enables the use of any interference filter
with single or multiple passbands, allowing for a versatile design adaptable to any visible and
NIR fluorophore and, importantly, for multicolor fluorescence imaging. In this work, specifically,
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we demonstrate dual-color imaging with a dual-bandpass interference filter (ETFITC/Cy5m,
Chroma Technology Corp). The LNA-FOP also improves resolution by acting as a collimator.

3.2. Custom image sensor and optical frontend fabrication

We fabricate the proposed optical frontend design on our custom CMOS image sensor (Fig. 2(c))
presented in [21]. The 2.5× 5 mm chip contains a 4.4× 2.2 mm image sensor with an 80× 36
active pixel array of 44× 44µm2 pixels at a 55 µm pitch. The sensor achieves 8.2 V s−1 pW−1

sensitivity at 700 nm and uses correlated double sampling to attain shot-noise-limited performance
in exposure times as short as 50 ms.

The optical frontend can be fabricated in two ways: (1) from commercially available parts
(for rapid prototyping) including a 250 µm LNA-FOP and the dual-bandpass interference filter
deposited on a 1mm-thick glass substrate and (2) by directly coating the interference filter on a
500µm-thick LNA-FOP to reduce the overall thickness. In (2) a 500µm-thick FOP is used to
minimize the risk of fracturing during deposition, but a 250µm-thick FOP could likely be used
with reduced yield. Direct deposition (2) reduces overall thickness and has the additional benefit
of reducing imaging artifacts near the edge of the sensor (Supplement 1 section 1.2).

The optical component(s) are epoxied directly onto the chip. First, all surfaces are cleaned
with 99% isopropyl alcohol. Next, the optical epoxy (SYLGARD 184, Dow Chemicals) is mixed
and degassed for 20 minutes in a vacuum chamber. The optical component(s) are then epoxied
on the chip and cured in a controlled temperature chamber (45 minutes at 65°C). To prevent
optical leakage and protect the bond wires, the edges of the imager are sealed with black epoxy
(EP1046FG Black, Resinlab), cured at 85°C for 90 minutes.

Due to scattering through the FOP, the order that the FOP and interference filter are placed on
the chip effects filter performance under different illumination scenarios. Following the reasoning
in Supplement 1 section 1.3, in this work, the filter is placed below the FOP to block scattered
excitation under oblique illumination.

3.3. Preparation of cell cultures

PC3-PIP cells, which overexpress prostate-specific membrane antigen (PSMA), are cultured on
monolayer plates. To form sparse clusters of closely spaced cells, the cells are trypsinized from
monolayer cultures and plated on a commercially available matrix. Cells from the matrix cultures
were fixed onto glass slides with care to ensure that they remain in small (10-1000 cell) clusters.
Separate sets of slides are stained for imaging in each fluorescent channel with an anti-PSMA
rabbit primary antibody (D4S1F, Cell Signaling Technology) and either an IRDye680LT goat
anti-rabbit (LI-COR) or an AlexaFluor488 goat anti-rabbit secondary antibody (Invitrogen).

3.4. Preparation of prostate tissue samples

Banked resected patient prostate tissue samples are obtained from UCSF (IRB 15-16090). The
paraffin-embedded tissue blocks are sectioned at 4 µm and mounted onto glass slides. One
representative slide from each block is stained with hemoxylin and eosin (H&E) for histological
analysis. The remaining slides are used for immunofluorescence staining. To label prostate
cancer cells, an anti-PSMA rabbit primary antibody (D4S1F, Cell Signaling Technology) is
used with an IRDye680LT goat anti-rabbit secondary antibody (LI-COR). For nerve labeling, an
anti-S100 mouse primary (4C4.9, Abcam) is used with an AlexaFluor488 anti-mouse secondary
(Invitrogen).

3.5. Imaging with VISION

A custom printed circuit board (PCB) is used to supply power and bias currents for the imaging
chip as well as to read out and digitize each captured image frame. All timing and control signals
necessary for image acquisition are generated by a field-programmable gate array (XEM6010,

https://doi.org/10.6084/m9.figshare.25144019
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Opal Kelly), which interfaces between the chip and a laptop. A custom software user interface is
used to set the imaging parameters and to visualize and save image data.

Two fiber-coupled lasers with wavelengths at 488 nm and 633 nm (QFLD-488-20S and
QFLD-633-20S, QPhotonics) are used for fluorescence excitation. They are driven by a TEC-
controlled driver (6310 Combo Source, Arroyo Instruments) and are operated with an optical
intensity of 28 mW/cm2 for imaging. The lasers are collimated and transilluminate the sample at
approximately 70°. While transillumination is difficult in vivo, a glass separator or light guide
plate can be used in future work to couple light introduced from the side for epi-illumination
between the sensor and tissue [21,45]. In this work, a 1mm-thick glass separator is fixed on
top of the sensor to accurately reflect the reduction in resolution and sensitivity with the added
thickness of such a device.

All imaging is performed in a light-proof box to minimize background light. For routine
imaging, the sample is placed directly on the surface of the sensor and excitation light is introduced
through the back of the slide. To simultaneously image the same FoV with VISION and a
benchtop fluorescence microscope, we use an inverted microscope (Leica DM-IRB). The sample
slide is placed with the coverslip facing away from the microscope objective lens. VISION is
inverted and placed on the opposite side of the slide as the microscope objective. Excitation light
is introduced at an angle between the objective and slide.

For each region of interest (ROI), 100 images are acquired with VISION at 50-75 ms exposure
time to be used for image analysis or averaging. Signal-to-noise ratio (SNR) is reported as the
maximum single pixel SNR within the ROI and is calculated as the mean pixel value divided by
the standard deviation of the pixel intensity across 100 images. Image post-processing including
thresholding and false coloring is performed in ImageJ (NIH).

4. Results and discussion

4.1. Optical frontend characterization

Figure 3(a) shows the measured angular transmittance of the 250µm-thick LNA-FOP in air at
488 nm compared with that of the on-chip angle-selective gratings (ASGs) presented in our
prior work [21]. Angular transmittance measurements were performed using an optical power
meter (PM100D with S120C photodiode, ThorLabs) and the same fiber-coupled lasers used
for imaging. Narrow-band interference filters for each laser line (ZET488/10x and ET645/30x,
Chroma Technologies Corp) eliminate any out-of-band emissions from the lasers. The sample is
clamped into a motor-controlled rotating stage (HDR50, ThorLabs) to measure the transmitted
optical power at 1° increments.

Compared with the ASGs, that are fabricated using reflective metal and have aspect ratios
restricted by CMOS process design rules, the LNA-FOP achieves significantly sharper angle-
selectivity and stronger rejection of oblique light with minimal added thickness. Accordingly, the
measured full width at half maximum (FWHM) of the FOP is 12.65° in air, almost 3x narrower
than that of the ASGs (36°). For a lens-less imager with collimators, the FWHM of the collimator
is directly related to the resolution of the system.

Figure 3(b) shows the normal incidence transmittance spectra of the dual-bandpass interference
filter (data is reproduced with permission from Chroma Technologies Corp). The filter has less
than 10−6 transmittance at both 488 nm and 633 nm, the excitation wavelengths for AlexaFluor488
(AF488) and IRDye680LT (IR680LT) which are the fluorophores selected for our imaging
studies. Moreover, the sharp band-edge and high passband transmittance (>95%) of the filter
allow for efficient collection of fluorescence emissions from each fluorophore. However, as
noted previously, excitation bleed-through increases sharply with AOI. Angular transmittance
measurements of the filter at both excitation wavelengths (Fig. 3(d)) show a roughly 100x increase
in transmittance at 24° for 488 nm and 36° for 633 nm. By 33° and 48°, respectively, the filter is
practically transparent to the excitation, passing nearly all incident light.
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Fig. 3. Optical frontend characterization. (a) Measured angular transmittance of the
LNA-FOP compared with that of the on-chip angle-selective gratings (ASGs) presented
in our prior work [21]. (b) Transmittance spectra of the dual-bandpass interference filter.
(c) Angular transmittance of the LNA-FOP at 488 nm and 633 nm plotted on a log scale.
(d) Angular transmittance of the 488 nm and 633 nm excitation lasers through both the
interference filter alone and the interference filter with the LNA-FOP.

We compensate for this behavior with the LNA-FOP, which is strongly absorptive of off-axis
light. Figure 3(c) shows the measured angular transmittance of the FOP on a log scale. At 45°,
the FOP achieves less than 10−5 transmittance of both wavelengths. The rejection increases for
AOIs larger than 45°. Therefore, as shown in Fig. 3(d), when both the FOP and interference filter
are used together, the resulting optical frontend maintains less than 10−5 transmittance at 488 nm
and less than 10−6 transmittance at 633 nm across all AOIs.

To illustrate the potential performance improvements over absorption filters gained through
the improved passband characteristics of the interference filter, we compare the VISION optical
frontend with the amorphous silicon (a-Si) absorption filter presented in our prior work [31]. As
discussed in Supplement 1 section 1.4, we measure a 9.3x improvement in excitation rejection
and a 4.3x improvement in fluorescence emission collection efficiency with the new design.

4.2. Resolution measurements

To measure the resolution of VISION, we image a standard USAF-1951 resolution test target as
shown in Fig. 4(a). For fluorescence imaging, a negative USAF target patterns excitation light

https://doi.org/10.6084/m9.figshare.25144019


Research Article Vol. 15, No. 3 / 1 Mar 2024 / Biomedical Optics Express 1769

onto a layer of Cy5.5 dye (Sulfo-Cyanine5.5 NHS ester, Abcam) dissolved in DMSO at 100
µg/mL. The dye is contained on the target with a 150µm-thick glass coverslip and is placed on
VISION for imaging. A 1mm-thick glass separator separates the sensor from the sample. For
practical in vivo imaging, the glass separator would be used to introduce excitation light to the
tissue.

the sensor, the blur reduces the contrast between light and dark bars. Contrast is calculated as

(𝐼𝑚𝑎𝑥 ― 𝐼𝑚𝑖𝑛)/(𝐼𝑚𝑎𝑥 +  𝐼𝑚𝑖𝑛 ― 2𝐼𝑏𝑎𝑐𝑘) (1)

where 𝐼𝑚𝑎𝑥 is the maximum pixel value in the bright bars on the target, 𝐼𝑚𝑖𝑛 is the minimum 
pixel value in the dark bars, and 𝐼𝑏𝑎𝑐𝑘 is the background (the average pixel value when the 
excitation source is off). Fig. 4d shows representative images from this measurement along 
with the line scans through each element used to calculate contrast. 

The plot in Fig. 4e shows measured image contrast as a function of line width for both 
imagers. These measurements show that with the LNA-FOP, VISION can resolve line widths 
of 110µm at 20% contrast, while with the ASGs, the imager is only capable of line widths of 
330µm at 20% contrast, representing a roughly 3-fold improvement in resolution. As expected, 
this result corresponds with the approximately 3x difference in FWHM between the LNA-FOP 
and the ASGs shown in Fig. 3a. The resolution can be further improved by reducing the 1mm 
separation distance between the sample and imager, but some separation must be preserved to 
introduce the excitation light to the tissue. 

To be sure, this improvement in resolution gained with the increased angle selectivity of 
the FOP comes with a reduction in fluorescence signal seen by the sensor. However, with 
increased resolution, the background at each pixel due to tissue autofluorescence or nonspecific 
staining is also reduced improving the achievable signal-to-background ratio (SBR) for tumor 
foci smaller than the resolution of the system [19,47]. In FGS, the SBR often plays a dominant 
role in detection. 

Fig. 4. Resolution measurements. (a) Experimental set up for resolution measurements. (b) Reference 
image of the fluorescent test target from a benchtop fluorescence microscope using a 2.5x objective. Green 
box is around group 2. (c) Image taken with VISION of group 2 on the test target, which spans VISION’s 
resolution limit. (d) Comparison of representative images of individual 3-bar elements from the target taken 
with a sensor with the ASGs presented in our prior work [22] and with VISION. (e) Plot of the measured 
contrast of each 3-bar element as function of line width from images taken with VISION and the sensor 
with ASGs.

Fig. 4. Resolution measurements. (a) Experimental set up for resolution measurements.
(b) Reference image of the fluorescent test target from a benchtop fluorescence microscope
using a 2.5x objective. Green box is around group 2. (c) Image taken with VISION of group
2 on the test target, which spans VISION’s resolution limit. (d) Comparison of representative
images of individual 3-bar elements from the target taken with a sensor with the ASGs
presented in our prior work [21] and with VISION. (e) Plot of the measured contrast of each
3-bar element as function of line width from images taken with VISION and the sensor with
ASGs.

A reference image of the target taken with a benchtop fluorescence microscope (Fig. 4(b)) can
be compared qualitatively to an image taken with VISION of group 2 on the target (Fig. 4(c)),
which spans the resolution limit of our system. By group 2, element 6 (line widths of 70 µm), the
lines become nearly indistinguishable with VISION.

To quantify the resolution improvement achieved with the LNA-FOP, we image individual
3-bar elements on the target both with VISION and an imager with ASGs presented in our prior
work [21] and measure the image contrast. As the line widths approach the resolution limit of the
sensor, the blur reduces the contrast between light and dark bars. Contrast is calculated as

(Imax − Imin)/(Imax + Imin − 2Iback) (1)

where Imax is the maximum pixel value in the bright bars on the target, Imin is the minimum pixel
value in the dark bars, and Iback is the background (the average pixel value when the excitation
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source is off). Figure 4(d) shows representative images from this measurement along with the
line scans through each element used to calculate contrast.

The plot in Fig. 4(e) shows measured image contrast as a function of line width for both
imagers. These measurements show that with the LNA-FOP, VISION can resolve line widths
of 110 µm at 20% contrast, while with the ASGs, the imager is only capable of line widths of
330 µm at 20% contrast, representing a roughly 3-fold improvement in resolution. As expected,
this result corresponds with the approximately 3x difference in FWHM between the LNA-FOP
and the ASGs shown in Fig. 3(a). The resolution can be further improved by reducing the 1 mm
separation distance between the sample and imager, but some separation must be preserved to
introduce the excitation light to the tissue.

To be sure, this improvement in resolution gained with the increased angle selectivity of the
FOP comes with a reduction in fluorescence signal seen by the sensor. However, with increased
resolution, the background at each pixel due to tissue autofluorescence or nonspecific staining is
also reduced improving the achievable signal-to-background ratio (SBR) for tumor foci smaller
than the resolution of the system [18,46]. In FGS, the SBR often plays a dominant role in
detection.

4.3. Sensitivity measurements

The identification and removal of microscopic tumor foci (<1mm3 or <105-106 cells) remains a
critical barrier to the success of curative-intent cancer surgeries. Imaging of microscopic foci
requires both efficient collection of fluorescence emissions and sufficient resolution to achieve
high SNRs and signal to background ratios necessary for detection [18,46]. Towards these
ends, VISION utilizes a contact imaging approach to achieve high collection efficiencies for
microscopic detection.

We quantify the sensitivity of VISION by imaging slides containing differently sized clusters
of fluorescently labeled PC3-PIP prostate cancer cells. The slides are imaged using excitation
intensities of 28 mW/cm2 and exposure times of 50 ms and 75 ms for the AF488 and IR680LT
channels, respectively. Figure 5(a).i shows a representative image of a AF488-stained sample
taken with VISION compared with a reference image from benchtop fluorescence microscope
(Fig. 5(a).ii). From 20x microscope images (Fig. 5(b).i-ii), the cell clusters labeled A and B are
determined to contain approximately 100 and 50 cells, respectively. These clusters are imaged
on VISION with maximum single pixel SNRs of 22x (13 dB) and 10x (10 dB), respectively.

This procedure is repeated for a set of samples containing clusters ranging in size from 1-1000
cells. Figure 5(c) shows a plot of the maximum measured single-pixel SNR versus the cell cluster
size for each fluorescence channel. VISION can detect cell clusters as small as 100 cells in a
single 50 ms or 75 ms exposure with SNRs greater than 10x (10 dB) and 4x (6 dB) in the AF488
and IR680LT channels, respectively. Cells stained with AF488 are inherently brighter due to
higher quantum yield of the dye and excitation closer to the absorption peak. Sensitivity can
be further increased through longer exposure times, higher excitation intensities, and hardware
optimizations (see Conclusion) advancing VISION closer to single-cell detection.

4.4. Ex vivo prostate tissue imaging

To demonstrate imaging in clinically relevant scenarios in prostate cancer resection with VISION,
we image ex vivo banked, resected patient prostate tissue interspersed with tumor and nerves
(Fig. 6). The tissue is fluorescently stained for both prostate cancer with an anti-PSMA-IR680LT
(red) and nerves anti-S100-AF488 (green). While anti-S100 is an intracellular probe and,
therefore, is not suitable for in vivo imaging, it is used here as a proof-of-principle for multiplexed
imaging and can be replaced by existing nerve-specific intraoperative probes [12] in future
experiments. To verify staining, slides are scanned with a fluorescence microscope (Zeiss Axio
Observer) and compared against full-slide H&E scans by a trained pathologist (Fig. 6(a).iii-iv).
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4.3 Sensitivity measurements

The identification and removal of microscopic tumor foci (<1mm3 or <105-106 cells) remains a 
critical barrier to the success of curative-intent cancer surgeries. Imaging of microscopic foci 
requires both efficient collection of fluorescence emissions and sufficient resolution to achieve 
high SNRs and signal to background ratios necessary for detection [19,47]. Towards these ends, 
VISION utilizes a contact imaging approach to achieve high collection efficiencies for 
microscopic detection.

We quantify the sensitivity of VISION by imaging slides containing differently sized 
clusters of fluorescently labeled PC3-PIP prostate cancer cells. The slides are imaged using 
excitation intensities of 28mW/cm2 and exposure times of 50ms and 75ms for the AF488 and 
IR680LT channels, respectively. Fig. 5a.i shows a representative image of a AF488-stained 
sample taken with VISION compared with a reference image from benchtop fluorescence 
microscope (Fig. 5a.ii). From 20x microscope images (Fig. 5b.i-ii), the cell clusters labeled A 
and B are determined to contain approximately 100 and 50 cells, respectively. These clusters 
are imaged on VISION with maximum single pixel SNRs of 22x (13dB) and 10x (10dB), 
respectively. 

This procedure is repeated for a set of samples containing clusters ranging in size from 1-
1000 cells. Fig. 5c shows a plot of the maximum measured single-pixel SNR versus the cell 
cluster size for each fluorescence channel. VISION can detect cell clusters as small as 100 cells 
in a single 50ms or 75ms exposure with SNRs greater than 10x (10dB) and 4x (6dB) in the 
AF488 and IR680LT channels, respectively. Cells stained with AF488 are inherently brighter 
due to higher quantum yield of the dye and excitation closer to the absorption peak. Sensitivity 
can be further increased through longer exposure times, higher excitation intensities, and 
hardware optimizations (see Conclusion) advancing VISION closer to single-cell detection. 

4.4 Ex vivo prostate tissue imaging

To demonstrate imaging in clinically relevant scenarios in prostate cancer resection with 
VISION, we image ex vivo banked, resected patient prostate tissue interspersed with tumor and 
nerves (Fig. 6). The tissue is fluorescently stained for both prostate cancer with an anti-PSMA-
IR680LT (red) and nerves anti-S100-AF488 (green). While anti-S100 is an intracellular probe 
and, therefore, is not suitable for in vivo imaging, it is used here as a proof-of-principle for 

Fig. 5. Sensitivity measurements. (a) (i) A representative image taken with VISION and (ii) a microscope 
reference of the PC3-PIP cell culture slides fluorescently stained with AF488. Clusters marked with A and 
B contain ~100 and ~50 cells and are imaged on VISION with SNRs of 22x and 10x, respectively. (b) 20x 
microscope images of clusters (i) A and (ii) B used for counting the number of cells in each cluster. (c) Plot 
of measured maximum single pixel SNR vs. cluster size for PC3-PIP cell cultures stained with AF488 and 
IR680LT.

Fig. 5. Sensitivity measurements. (a) (i) A representative image taken with VISION and
(ii) a microscope reference of the PC3-PIP cell culture slides fluorescently stained with
AF488. Clusters marked with A and B contain ∼100 and ∼50 cells and are imaged on
VISION with SNRs of 22x and 10x, respectively. (b) 20x microscope images of clusters
(i) A and (ii) B used for counting the number of cells in each cluster. (c) Plot of measured
maximum single pixel SNR vs. cluster size for PC3-PIP cell cultures stained with AF488
and IR680LT.

Relevant areas of each slide are then imaged in each fluorescence channel with VISION.
Exposure times of 50 ms and 75 ms are used for the AF488 and IRDye680LT channels, respectively.
To best demonstrate the resolution and image accuracy of VISION, the SNR of the images is
enhanced by 10 dB by averaging 100 individual frames. While this level of averaging is used for
presentation of the results and, in practice, would result in long imaging times, a single frame
is necessary for detection of the labeled cells within the samples. To this point, single frame
maximum at-pixel SNRs are reported in the following section for each image and are within the
range of those measured with the PC3-PIP cell cultures. In addition, Fig. S4 compares single
frame images with the averaged images presented in Figs. 6(a).ii and 6(a).v and illustrates the
increase in SNR with averaging.

Figure 6(a).i-ii and 6(a).v-vi show a side-by-side comparison of images captured with VISION
and a benchtop fluorescence microscope alongside H&E images for an histological reference. As
shown in Fig. 6(a).i, dual-color imaging of both channels is achieved with our dual-bandpass
filter by taking a separate exposure with each laser and then overlaying the images. In Figs. 6(a).ii
and 6(a).v, VISION identifies major clusters of both tumor cells (SNR= 9.3 dB) and nerves
(SNR= 10-25.5 dB), respectively. To emphasize the sensitivity of VISION, Fig. 6(a).vi shows
VISION detecting a microscopic tumor focus of less than 100 cells (SNR= 7.3 dB) located along
the inked margin of the sample. Figures 6(b) and 6(c) illustrate scenarios in which VISION
can detect and characterize tumor spread beyond the primary tumor site. In Fig. 6(b), VISION
visualizes extra-prostatic extension of tumor into fibroadipose tissue interspersed with nerves
and, in Fig. 6(c), VISION detects a small lymph node metastasis (SNR= 8.8 dB). Overall, these
images illustrate the potential use of VISION to intraoperatively assess resection margins for
microscopic residual disease, provide critical information regarding the spatial proximity of
tumor and nerves for surgical guidance, and identify potential sites of metastatic spread.

It should be noted that line-like artifacts are visible along the edges of some images (especially
in Fig. 6(a).i). As discussed in Supplement 1 section 1.2, these artifacts occur when using the
optical frontend design with the commercial interference filter and are caused by excitation light
reflected off the bond-pads of the sensor and guided through the 1mm-thick fused silica substrate.

https://doi.org/10.6084/m9.figshare.25144019
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Fig. 6. Ex vivo imaging of resected prostate tissue with tumor foci and nerves. (a) (iii
& iv) Full-slide microscope scans of immunofluorescence (IF) and H&E stained slides
of resected prostate tissue. (i) Simultaneous detection of both tumors and nerves with
VISION is possible by overlaying separate exposures of each channel. (ii & v) VISION
can clearly identify major tumor and nerves in the sample with microscopic resolution. (vi)
VISION detects a microscopic focus (<100 cells) along the inked margin. (b) Images of
extra-prostatic extension into fibroadipose tissue. (i) IF and (ii) H&E full slide scans of
sample with ROI for imaging in green. (iv) VISION detects tumor foci and nerves present in
(iii) IF and (v) H&E references. (c) Images of metastatic tumor in a lymph node. (i) IF and
(ii) H&E full slide scans of sample with ROI for imaging in green. (iv) VISION detects a
small focus of metastatic tumor visible in (iii) IF and (v) H&E references.
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The artifacts can be eliminated by directly depositing the filter on the FOP. As a result of these
artifacts as well as the lower collection efficiency and use of trans-illumination compared with
the microscope, the background signal due to the excitation bleed-through is more pronounced in
the VISION images.

To be sure, after successful demonstration of ex vivo imaging, there are still challenges to address
before transitioning to in vivo imaging. The cell cultures used for sensitivity measurements in this
study represent an idealized scenario in which there is no background signal from surrounding
tissue. Additionally, in vivo targets may be obscured by thin layer of blood or tissue, which
attenuate signals through scattering and absorption. For these reasons, poorer sensitivity and
reduced SNRs may be encountered in vivo, but can be compensated for through the strategies
discussed in the preceding section. On the other hand, the cell cultures contain no more than 4
layers of cells and the tissue sections are less than a single layer thick (∼4 µm). In contrast, in
vivo sub-millimeter tumor foci are 3D structures consisting of tens to hundreds of layers of cells,
possibly leading to more concentrated signals.

5. Conclusion

Fluorescence-guided surgery technologies show potential to significantly improve clinical
outcomes in curative-intent cancer surgery by helping surgeons better detect and eliminate
residual and microscopic disease while avoiding damage to neighboring critical tissues. However,
current FGS systems using conventional optics have restricted maneuverability, are limited to
macro-scale detection, and for the most part are not designed for multiplexed imaging. Therefore,
we have developed VISION, a fluorescence contact-imaging chip capable of both multiplexed
and microscopic detection without sacrificing maneuverability. Specifically, VISION takes
advantage of lens-less contact imaging and CMOS technology to: (1) achieve efficient collection
of fluorescence emissions and resolution necessary for microscopic detection; (2) allow for a
scalable design for imaging FoVs up to centimeter dimensions with little trade-off in resolution;
and (3) enable a compact and planar form factor for eventual integration with laparoscopic tools
and that can be manipulated to image surfaces throughout the resection cavity.

Moreover, in this work, we demonstrated a lens-less optical frontend combining an interference
filter and LNA-FOP to provide both high-performance multicolor fluorescence filtering and
enhanced resolution. We showed that the LNA-FOP effectively compensates for the angle-
sensitivity of the filter, achieving less than 10−5 transmittance of excitation light across all AOIs.
Critical to lens-less imaging applications, our design is thin, planar, and inherently scalable in size.
By coating the filter directly on the FOP, the total thickness is just over 500 µm. Most importantly,
compared with prior work—which primarily focused on absorption filters—our optical frontend
harnesses the inherent advantages of interference filters: sharp cut-offs and near 100% passband
transmittance, a versatile design adaptable for any visible or near-infrared fluorophore, and easy
extension to multicolor imaging with organic fluorophores. While we demonstrated dual-color
fluorescence imaging, three- and four-band interference filters are widely available such that our
design can be straightforwardly adapted for complex multicolor fluorescence imaging schemes.
The LNA-FOP also improves imager resolution. With the 250 µm LNA-FOP, VISION can
resolve linewidths of 110 µm with 20% contrast at 1 mm separation distance from the sample,
representing a 3x improvement over our prior work.

The advantages of our optical frontend design have relevance beyond intraoperative imaging.
Other applications of fluorescence contact imaging include miniaturized implantable imagers
for functional brain imaging in free-moving animals [35,47,48] and for in vivo monitoring
of therapeutic response [49,50] as well as compact lab-on-chip devices for high-throughput
molecular screening and diagnostics [51–54]. In particular, the versatility of our optical frontend
allows for transferrable sensor design: adapting a sensor to a new fluorescence wavelength
involves epoxying on a new interference filter and changing the excitation source. We believe this
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design flexibility can help to bring about new applications which leverage novel optical probes
and multiplexed imaging techniques.

Relevant to intraoperative imaging, we showed that VISION can detect microscopic tumor
foci of less than 100 cells with SNRs near or above 10 dB at exposure times of 50 ms, close to
acceptable video frame rates. These results show the potential for VISION to help surgeons
identify microscopic residual disease below the mm-scale sensitivity limit of currently available
intraoperative imaging platforms. Moreover, to emphasize clinical relevance for FGS, we demon-
strated that VISION, enabled by the optical frontend presented in this work, can simultaneously
identify microscopic tumor foci and nerves in ex vivo resected prostate tissue. We illustrated
three important clinical scenarios in which VISION can improve surgical outcomes: (1) detection
of a microscopic tumor foci of less than 100 cells along the surgical margin, (2) simultaneous
localization of residual tumor and nerves, and (3) identification of a metastatic lymph node.

Future improvements to VISION can further this potential. Sensitivity can be increased
through hardware optimizations. First, the optical frontend can be optimized with a custom
interference filter with optimal passbands for the fluorophores. The FWHM of the FOP can
also be increased to improve collection efficiency (albeit, at the cost of resolution) while still
compensating for the angle-sensitivity of the interference filter which can maintain rejection up
to 20-35°. Second, the quantum efficiency of our photodiodes (currently 13% at 530 nm and 18%
at 700 nm) can be enhanced through use of a more optimized optical CMOS process. Building
on our proof-of-concept platform, VISION can be adapted for practical use in the clinic. While
our prototype sensor has a FoV 4.4× 2 mm, CMOS image sensors are inherently scalable [55],
enabling larger FoVs with the same resolution (pixel size) for faster raster scanning over the
surgical cavity. In the future, for example, the sensor size could be increased to 1× 1 cm, imaging
a 1cm2 area in <1s while still fitting through a 12 mm laparoscopic port. In addition, CMOS
technology enables the integration of power management, control, readout, and image sensor
circuits all on a single mm-scale chip. Thus, a future system including the PCB and housing can
be integrated at the scale of the chip and connected to external hardware only by a few flexible
wires as shown in the conceptual Fig. 1(c). Finally, a new multi-bandpass filter can be integrated
in the optical frontend to extend VISION to tri-color imaging with multiple NIR bands at 700 nm
and 800 nm to cover a wide array of available FGS probes [9].

In conclusion, this work shows and furthers the promise of chip-based fluorescence contact
imagers, such as VISION, in filling in the performance gaps left by conventional lens-based FGS
systems in terms of maneuverability, sensitivity, and multiplexed imaging. With these advantages
and further improvements, we envision chip-based intraoperative imagers like VISION improving
clinical outcomes by extending surgical vision to hard-to-access areas and to microscopic and
multiplexed imaging of both diseased and healthy tissue.
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