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Abstract: Quantifying solid tumor margins with fluorescence-guided surgery approaches is a
challenge, particularly when using near infrared (NIR) wavelengths due to increased penetration
depths. An NIR dual wavelength excitation fluorescence (DWEF) approach was developed that
capitalizes on the wavelength-dependent attenuation of light in tissue to determine fluorophore
depth. A portable dual wavelength excitation fluorescence imaging system was built and tested in
parallel with an NIR tumor-targeting fluorophore in tissue mimicking phantoms, chicken tissue,
and in vivo mouse models of breast cancer. The system showed high accuracy in all experiments.
The low cost and simplicity of this approach make it ideal for clinical use.

© 2022 Optica Publishing Group under the terms of the Optica Open Access Publishing Agreement

1. Introduction

Real-time intraoperative imaging is revolutionizing surgical oncology practice worldwide by
providing continuous views of delicate anatomy and tumor boundaries throughout surgery, during
which the tissue in and around the surgical cavity is significantly deformed. Intraoperative
imaging techniques rely on either intrinsic contrast or contrast agents, many of which are
tumor-targeted [1]. These approaches aid in minimizing harm from accidental injury of nerves or
large blood vessels, and help demarcate cancerous tissue for complete resection while preserving
nearby healthy tissue. There are a number of excellent review articles [1–4] highlighting various
image-guided surgery techniques spanning ultrasound, nuclear, optical, and hybrid approaches,
all of which have unique strengths and limitations. Strengths of optical approaches, and in
particular fluorescence-guided surgery (FGS), include the ability to achieve real-time, contact-free,
high-contrast images with less expensive and compact hardware. These characteristics allow
the expansion of FGS to rural and underserved communities, beyond the cutting-edge medical
centers where most image-guided surgery technologies are currently used.

To reach its full potential in cancer surgery, FGS must move beyond localizing tumor tissue
and sparing healthy tissue. Clinical investigations have found superior outcomes in solid tumor
resection are achieved when the tumors are removed with a healthy margin of tissue completely
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surrounding the tumor (negative margin) [5,6]. The optimum clear margin thickness varies by
tumor type and is an active area of research and debate for certain cancers [7–9].

Several strategies exist for assessing margin extent. Histopathology serves as the gold standard
for determining whether negative margins were achieved. However, pathological analysis is
typically done post operatively (days after surgery), meaning any residual tumor cannot be further
resected without a second surgery. Existing intraoperative approaches to assess margin extent
include specimen radiography, which is fast but has shown poor accuracy [10], and frozen section
analysis, which has high accuracy but is labor/infrastructure intensive and can require surgeons
to wait up to 50 minutes while the patient is in the operating room [11], extending surgery time.
FGS is a promising alternative to these techniques, enabling accurate, real-time assessment
of surgical margins in the operating room. This would allow surgeons to iteratively resect a
tumor until negative margins are achieved, potentially shortening surgery time and reducing the
likelihood that a second surgery will be required.

A key challenge in applying FGS to margin assessment is that the selected imaging technique
must be able to quantitatively measure the depth of cancer cells several millimeters beneath
the surface of an intact excised specimen (Fig. 1). FGS approaches often take advantage of
near-infrared (NIR) fluorescent dyes, which can be detected 1–2 cm below the tissue surface
[12]. Numerous strategies have been employed to address this critical need in FGS, including
fluorescence tomography [13–16], fluorescence lifetime topography [17], fluorescence light-sheet
microscopy [18,19], fluorescence laminar optical tomography [20], and ratiometric fluorescence
imaging from multi-wavelength excitation [21–25]. The arguably least expensive and simplest
technique, both conceptually and technically, is ratiometric fluorescence imaging, which takes
advantage of the wavelength-dependent attenuation of light in tissue to provide depth information
independent of fluorophore concentration. This method uses minimal hardware and basic data
processing, and thus has high potential for successful translation to oncologic surgery across a

Fig. 1. (A) A margin of healthy tissue completely surrounding excised solid tumors is
required for complete resection. (B) Fluorescence guided surgery (FGS) can aid in achieving
full margins but currently cannot determine tumor depth from the surface. Since NIR probes
can be detected beyond a centimeter deep, determining their axial location is important to
ensure full margins are achieved without unnecessary sacrifice of healthy tissue.
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range of economies and settings. Ratiometric fluorescence imaging has been recently used in
FGS to determine the depth of brain tumors from the exposed brain surface based on selective
accumulation of a visible fluorophore called protoporphyrin IX in tumors following administration
of 5-aminolevulinic acid [22].

This ratiometric fluorescence depth mapping approach has not yet been used with NIR
fluorescence agents, which have increased contrast and penetration depth compared with tissue
autofluorescence or exogenous visible-spectrum agents [26]. Because of these advantages,
targeted NIR agents are being developed in abundance for FGS applications [1,27,28]. Herein,
we report a ratiometric fluorescence imaging strategy using tumor-targeted NIR fluorophore,
LS301, that selectively binds to phosphorylated annexin A2, which is overexpressed in tumors
[29]. Critical advantages of this NIR depth profiling approach include simple instrumentation,
rapid image processing and analysis, and improved tissue penetration and tumor contrast, making
it well-suited for clinical translation and integration in FGS.

2. Materials and methods

2.1. Tumor targeting contrast agent LS301

LS301 is an octapeptide labeled with an NIR fluorophore that selectively binds to phosphorylated
Annexin A2, a protein that is over expressed in multiple types of solid tumors [29]. The
fluorophore has a broad excitation spectrum, spanning ∼650-810 nm, which was measured using
a spectrofluorimeter (Fluorolog, Horiba, New Jersey, USA). LS301 has a similar fluorescence
excitation and emission profile as ICG, it has demonstrated safety in animal studies [29], and
clinical trials in breast cancer patients are underway (ClinicalTrials.gov Identifier: NCT02807597).

2.2. Fluorophore depth determination from dual wavelength excitation

Light intensity attenuates at different rates across the visible and near-infrared spectrum due
to wavelength-specific characteristics of optical absorbers and scatterers in tissue [30]. Upon
illumination of a fluorophore with two different excitation wavelengths, the intensity falloff
with depth at each wavelength is based on the optical properties of the tissue which govern the
slope, such that the natural log of the ratio of the fluorescence intensity (which is mathematically
equivalent to the differences of the natural logs) generated by each wavelength has a linear
relationship to the depth of the fluorophore [21,23,31] (Fig. 2):

ln(
Iλ1
Iλ2

) = ln(Iλ1) − ln(Iλ2) = ln(Γ) = m ∗ d + b (1)

Importantly, the ratio is also independent of concentration [21,23,31]. Reports have demon-
strated that the slope (m) of the line governing the relationship between depth and fluorescence
ratio can be estimated [23] using optical properties µa and µs’ if they are known or can be
measured:

m =
1
δλ1 −

1
δλ2 (2)

where

δ =

√︄
D
µa

(3)

and
D =

1
3 (µa + µs′)

(4)

The y-intercept (b) can be solved based on knowledge of how light will diffuse in the medium
at each wavelength which is described by the optical diffusion coefficient D. Taking the ratio of
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Fig. 2. Dual wavelength excitation for fluorophore depth determination. A) Schematic of
wavelength-dependent attenuation of light and interaction with fluorophores of different
concentrations (c1 – dark green, c2 – light green). B) If the log of the fluorescence generated
at two excitation wavelengths, 730 and 780 nm, is plotted against depth for two different
concentrations of fluorophore, four different intensities result for a single depth. C) However,
if the log of the fluorescence ratio generated by 730 and 780 nm excitation is plotted, a unique
solution is found for each depth, regardless of concentration. (Abbreviations: d – depth,
c – concentration, I – fluorescent intensity) Green arrows correspond to the concentration
of fluorophore (dark green – c1, light green – c2). Identical black arrows shown at d1
and d2 demonstrate that the difference in fluorescent intensity generated by each excitation
wavelength equals the log of their ratio, regardless of fluorophore concentration.

the diffusion coefficients provides the baseline relative fluorescence ratio expected as a function
of the tissue’s optical properties:

b = ln(
Dλ2

Dλ1 ) (5)

In the current work, published and measured optical properties are used with Eq. (2)-(5) to
calculate fluorophore depth in NIR dual wavelength excitation experiments.

2.3. Portable dual wavelength excitation fluorescence system

A fluorescence imaging system was constructed using 730 and 780 nm LEDs (M730L5 and
M780L3, Thorlabs, Newton, NJ, USA) and a monochrome CMOS camera (STC-MBS500U3V,
SenTech, Willow Grove, PA, USA). The 730 and 780 LED illumination was aligned using a
cage cube and dichroic filter (#87-062, 757nm, 25.2× 35.6mm, Edmund Optics, Barrington, NJ,
USA). A high-pass filter (EdgeBasic Long Wave Pass 785, Semrock, Rochester, NY, USA) was
placed in front of the camera to detect fluorescent light and reject excitation light. The LEDs
were controlled using an LED driver that allowed modulation of each LED (DC4104, Thorlabs,
Newton, NJ, USA). In addition, an 850 nm LED (M850L3, Thorlabs, Newton, NJ, USA) was used
to create a brightfield image such that fluorescent images could be correlated with the real-world
view of the sample being interrogated. Modulation was achieved by connecting the LED driver
external modulation cable to an electrical relay (4 Channel DC 5V Relay Module, JBtek, Surrey,
BC, Canada) that was interfaced with an Arduino Uno board (Arduino, Somerville, MA, USA)
which was controlled by a custom graphical user interface (GUI) developed using Matlab’s App
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Designer. The camera was also controlled using the Matlab GUI and acquired sequential 730 nm
excitation fluorescence, 780 nm excitation fluorescence, and 850 nm brightfield images of each
sample of interest.

2.4. Ratiometric fluorescence imaging analysis

The GUI also performs rapid image analysis by first capturing a fluorescent image at 730 and 780
nm excitation wavelengths of a custom wide-field uniform NIR fluorescence reference to account
for spatial differences across the LED illumination profiles. The wide-field phantom images are
each segmented using a threshold t ≥ Rλmax /2, where Rλmax is the maximum reference image
intensity acquired with LEDλ. Only pixels in which both LEDs met the threshold are included
for subsequent analysis and this defines the imaging region of the 730 and 780 nm LEDs. After
segmentation, a wide-field correction (Cλ(x,y)) is calculated for each fluorescence reference
using equation:

Cλ(x, y) =
Rλmax

Rλ(x, y)
(6)

where Rλ(x,y) is the raw reference image acquired with LEDλ. The correction is then applied
to all subsequent fluorescence images. Following wide-field correction, pairs of 730 and 780
fluorescence images are analyzed by taking the natural log of the ratio of their wide-field corrected
images:

ln(Γ(x, y)) = ln(
Iλ1(x, y) ∗ Cλ1(x, y) ∗ Pλ2 max ∗ Aλ2
Iλ2(x, y) ∗ Cλ2(x, y) ∗ Pλ1 max ∗ Aλ1

) (7)

where Iλ is the fluorescent image taken using excitation λ, Pλmax is the maximum power measured
in the imaging plane using an optical power meter, and Aλ is the fluorophore absorbance at λ.
As described by Kolste et al. [23], there is a linear relationship between the natural log of the
fluorescence ratio and fluorophore depth (d) as shown in Eq. (1). If the optical properties are
known, the y-intercept can be solved using Eq. (5). Alternatively, the y-intercept can be ignored
by normalizing all measurements to measurements made when the fluorophore is known to be at
the surface (depth= 0), such as the tumor surface in fluorescence-guided surgery:

ln(
Γ(x, y)
Γ(x, y)@d=0

) = m ∗ d (8)

As described above, the optical properties of the tissue can be used to calculate the slope m,
and depth d, can be solved:

d =
ln( Γ(x,y)
Γ(x,y)@d=0

)

m
(9)

2.5. Optical property determination

Optical properties were measured using diffuse reflectance spectroscopy (DRS) with a single
source and detector pair, and validated using an integrating sphere (IS). Diffuse reflectance
spectroscopy was performed using a one-to-four fan out fiber bundle (BFL44LS01, Thorlabs,
Newton, NJ). The two outer fibers at the common end were used for measurements, with their
opposite ends connected to a halogen lamp (HL-2000-HP, Ocean Insight, Orlando, FL, USA) or a
spectrometer (Flame spectrometer, Ocean Optics, Orlando, FL, USA). Reference measurements
were taken using a large Spectralon standard that is 99% reflective at the wavelengths measured.
A custom optical fiber holder was 3D printed to take diffuse reflectance images perpendicular
from the Spectralon standard at a 2 mm distance. The maximum integration time that could be
used without spectrometer saturation during lamp illumination was used to capture the reference
spectrum (Rref) and all subsequent background and sample spectra. A background measurement
(Rref_bg) was taken of the reference measurement setup using all of the same conditions except
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the halogen lamp was turned off. Samples were measured by placing the common end of the
fiber optic probe in gentle perpendicular contact with the sample and taking measurements with
the halogen lamp on (Rs) and off (Rs_bg). Diffuse reflectance measurements (Rd) were processed
as follows:

Rd(λ) =
Rs(λ) − Rs_bg(λ)

Rref (λ) − Rref _bg(λ)
(10)

Optical properties were extracted by solving for Rd at a known source-detector distance under
conditions of spectral constraint (Eq. (18) from Ref. [32] and Eq. (8.17) from Ref. [33]), in
which the spectral shapes of tissue chromophores and scattering were used to create a forward Rd
model at the same radial distance as the experiment. The Rd equation at a fixed source-detector
distance includes absorption coefficient, reduced scattering coefficient, ratio of the refractive
index of tissue to the refractive index of air, and the source-detector distance [32,33]. The
optical absorption coefficient was treated as a linear combination of individual chromophores as
described by Jacques [30]:

µa = c1 ∗ µa1(λ) + c2 ∗ µa2(λ) + . . . cn ∗ µan(λ) (11)

Where C1 through Cn are weighting coefficients used instead of total concentration and path length
because these are difficult to measure in tissue. In cases where µa of a particular chromophore
is well characterized in tissue, the weighting coefficient C can be considered a volume fraction
of the chromophore in the sample [30]. The chromophore spectra that were included in the
spectral fitting were based on the chromophores expected to be found in the tissue or synthetic
phantom material in the wavelength range measured (nigrosin for the synthetic phantom, oxy-
and deoxyhemoglobin for the chicken tissue, and beta carotene, oxy- and deoxyhemoglobin for
the in vivo mouse tissue). The reduced scattering coefficient was modeled as a power function
with two fit parameters, a and b:

µs′(λ) = a ∗ (
λ

500(nm)
)−b (12)

where a is the reduced scattering coefficient at 500 nm, which scales the spectrum from Ref.
[32] and b represents the scattering power, which governs the rate of change of scattering
with increasing wavelength [30]. A spectral fitting routine shared publicly by Jacques [34]
was modified by substituting the total Rd equation from Farrell et al. (Equation (22) from
Ref. [32]) to the Rd equation at a set source-detector difference (Eq. (18) from Ref. [32] and
Eq. (8.17) from Ref. [33]). The least-squares fitting routine was used to minimize the difference
between the measured Rd spectrum and the diffusion model prediction, and output absorption
weight coefficients and the reduced scattering coefficient a and b parameters that minimized
the difference between the two spectra. These values were used to construct sample µa(λ) and
µs′(λ) spectra that were used for calculating the slope and y-intercept of the dual wavelength
excitation fluorescence imaging system.

Integrating sphere measurements were conducted following the single integrating sphere
measurement protocol in the Inverse Adding-Doubling manual [35]. Reflectance and transmittance
values were calculated according to the manual and input into Inverse Adding-Doubling code for
extraction of wavelength-dependent optical absorption and optical scattering properties [35]. The
TiO2 scattering anisotropy was set at 0.6 [36], and chicken breast tissue scattering anisotropy was
set at 0.9 [37]. Measurements were acquired using a Newport integrating sphere (819C-IS-5.3,
Newport Corporation, Irvine, CA, USA), a spectrometer (Flame spectrometer, Ocean Optics,
Orlando, FL, USA), and broad band light was provided using a halogen lamp (HL-2000-HP,
Ocean Insight, Orlando, FL, USA).
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2.6. Synthetic optical tissue mimicking phantom fabrication

For wide-field correction, a large (13 cm diameter) NIR fluorescence reference standard was
created by mixing polyurethane (WC-783 A/B, BJB Enterprises, Tustin, CA) with titanium
dioxide (TiO2) (titanium (IV) oxide anatase, Product no. 637254-50G, Sigma Aldrich, St. Louis,
MO) as a scattering agent and IR125 (IR-125, 09030, Exciton Inc., Lockburne, OH) as an NIR
fluorophore [38], which has similar absorption and emission spectra to LS301 [29]. The phantom
base was made by first mixing 100 mL of polyurethane part A with 150 mg of TiO2 and 198
µL of IR125 stock solution (1 mM in DMSO). The mixture was sonicated for 20 minutes while
stirring to disaggregate the TiO2. Next, 90 mL of polyurethane part B was added and mixed for
an additional 5 minutes. The mixture was then poured into a custom 3D printed shallow well
(made from polylactic acid (PLA) filament) with inner dimensions of 13 cm diameter and 1.5 cm
height and allowed to set in a light-tight container for 48 hours.

Thin tissue-mimicking phantom discs of varying thicknesses were created using a polyurethane
base [39] that was poured into a PDMS mold, which allowed the polyurethane discs to be easily
removed. To make the PDMS mold, first a custom 3D printed mold box (PLA) was made with
raised pillars of varying heights ranging from 1–5 mm which subsequently served as wells for
the polyurethane discs. After printing, the 3D printed mold cast was silanized to allow for easier
removal of PDMS from the cast. The 3D printed mold cast was placed in a desiccator with a
conical tube that had 10 µL of trichlorosilane (CAS #: 78560-45-9, Gelest, Morrisville, PA,
USA). The desiccator was then sealed and vacuum was applied for 20 minutes, followed by
turning the vacuum off and waiting an additional 20 minutes, resulting in a silanized 3D printed
mold cast. The PDMS mold was made by mixing 100 mL of silicone elastomer base with 10
mL of curing agent (Sylgard 184 Silicone Encapsulant Clear 3.9 Kg Kit, Dow, Midland, MI,
USA) manually for 5 minutes and then poured into the 3D printed mold cast where it was left to
cure overnight. The polyurethane tissue-mimicking phantom was made by combining 75 mL of
polyurethane part A with 138.26 mg of TiO2 for optical scattering and 22.35 mg of nigrosin
powder for optical absorption (Product No. 198285-25G, Sigma Aldrich, St. Louis, MO, USA)
in a sonicator for 20 minutes while manually mixing. The mixture was then combined with 67.5
mL of polyurethane part B and manually mixed for an additional 5 minutes. The polyurethane
mixture was then carefully poured into the PDMS mold to create discs of varying thicknesses
and cured for 48 hours.

A NIR fluorophore phantom was made similarly to the tissue-mimicking phantom discs, using
a 3D printed mold cast and PDMS mold as described above to make 1 cm diameter polyurethane
phantoms. The polyurethane phantom was made by combining 25 mL of polyurethane part A
with 48 mg of TiO2 and 48 µL of IR125 stock solution (1 mM IR125 in DMSO) and mixing in a
sonicator for 20 minutes. The mixture was combined with 22.5 mL of polyurethane part B and
stirred for 5 minutes. The mixture was then poured into the PDMS mold and left to sit for 48
hours in a light tight container, yielding a 1 µM IR125 tissue-mimicking polyurethane phantom.

2.7. Chicken tissue phantom

To minimize tissue deformity and enable integrating sphere measurements of chicken breast
tissues, custom ring-based tissue holders were built. Rings (3 cm outer diameter, 2.6 cm inner
diameter) of varying heights were 3D printed and Saran wrap was glued to their bottoms to
hold the tissue in place. Chicken breast tissue was obtained from the grocery store and frozen.
The frozen tissue was placed on a mandoline and sliced to thicknesses ranging from 0.5- 5 mm.
Frozen slices were placed into the 3D printed rings with corresponding heights and trimmed to fit
within the rings. The top of the rings were then sealed with Saran wrap and superglue to make a
liquid-tight tissue holder. The thickness of the tissue inside the rings was measured using calipers.
The tissue rings were kept on ice until ready for measurement, in which case they were thawed
for 10 minutes prior to imaging on top of a 96 well plate filled with LS301 NIR fluorophore.
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2.8. Validation in phantoms and tissue

The ability of the dual wavelength fluorescence and diffuse reflectance spectroscopy system to
determine fluorophore depth was first validated by layering synthetic tissue-mimicking phantoms
of increasing thickness above an NIR fluorophore phantom and predicting the depth of the
fluorophore beneath the synthetic tissue layers. The tissue-mimicking phantoms were measured
with calipers three times and the average result was considered the true thickness for each sample.
The NIR fluorophore phantom was first imaged alone using the dual wavelength fluorescence
imaging system as described above, followed by imaging with synthetic tissue-mimicking phantom
discs of increasing thickness placed above the NIR fluorophore phantom. This was repeated
for four thicknesses of synthetic tissue-mimicking phantom. Diffuse reflectance spectroscopy
was performed on the synthetic tissue-mimicking phantom, as well as an integrating sphere
measurement of one of the phantom discs for optical property validation. The ratiometric
fluorescence images were normalized to the zero thickness tissue-mimicking phantom images
and their values were subsequently plotted as a function of tissue-mimicking phantom thickness.
For the synthetic and chicken phantoms, the DRS model included the optical absorption spectrum
of nigrosin and oxy- and deoxyhemoglobin, respectively, measured using same spectrometer used
for phantom measurements. The predicted slopes from DRS and IS were overlaid to compare the
estimated depths against the true depths. A similar study was conducted using chicken tissue of
varying thickness layered above a well of LS301.

2.9. Mouse models of breast cancer

All animal work was performed under an approved protocol by Washington University’s
Institutional Animal Care and Use Committee (IACUC). A mouse model of subcutaneous breast
cancer was tested for fluorophore depth determination. Four Fox Chase SCID Beige mice (Charles
River Laboratories, Wilmington, MA) were injected subcutaneously with 106 MDA-MB-468
S12 human breast tumor cells (ATCC) suspended in phosphate buffered saline into the right
flank. The tumors grew approximately 1 cm in the longest dimension prior to tail vein injection
with 60 µM of LS301 (prepared in Achilefu Lab [29]) in human serum albumin (Sigma Aldrich,
St. Louis, MO, USA) to test the effects of fluorophore concentration on depth retrieval accuracy.
At 48 hours post LS301 injection, DRS measurements were acquired from the center of the intact
tumor in vivo from mice #1-3 to extract optical properties for the y-intercept and slope for depth
prediction as described above (DRS spectra and fits shown in Fig. S1). The optical properties for
mouse 4 were estimated based on the average results from mice #1-3. The DRS model included
optical absorption spectra of oxyhemoglobin, deoxyhemoglobin, and beta carotene. After DRS
measurements and optical property extraction, DWEF imaging was performed to extract the
ratiometric fluorescence for fluorophore depth determination. All in vivo imaging was conducted
with mice under isoflurane anesthesia (2% vaporized in O2).

After imaging, the mice were euthanized and the tumors were excised with the skin intact along
the crease between the raised tumor boundary and healthy tissue to help demarcate the regions of
the excised tumor that had been previously measured in vivo. The excised tumors were cut along
the axial plane and then imaged in the custom-built DWEF imaging system to determine tumor
margin thickness. Margin thickness of the excised tumor specimen was extracted for the region of
tumor that was imaged using DWEF. The excised tumor fluorescence image collected at 780 nm
excitation was first segmented to highlight the mouse tissue from background using an intensity
threshold, and the tumor core was segmented from the non-cancerous tissue surrounding the
tumor using adaptive thresholding from the Matlab function “imbinarize”, a sensitivity of 0.15,
and bright foreground polarity. The edges of tissue surface and tumor margin were extracted
using Matlab’s “edge” function with the Sobel edge detection method. Each edge was then fit
with a spline and the distance between the inner and outer spline-fit edges was quantified by
calculating the Euclidean distance between the intersection points of each curve and lines that
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originated from the center of the tumor and spanned 0 to 90 degrees in order to cover the region
imaged in vivo. The ex vivo extracted margin thickness was compared against the in vivo DWEF
depth measurement from the same axial plane that the tumor was cut, as well as the 780 nm
excited fluorescence signal to background ratio (SBR). The in vivo DWEF depth measurements
were plotted against the ex vivo fluorescence depth measurements and the error between the
DWEF and ex vivo cross section was calculated for each mouse. Furthermore, the in vivo DWEF
depth measurements from all four mice were pooled together and compared against their ex vivo
depth measurements. The pooled ex vivo extracted margin thicknesses from all mice were also
compared to the corresponding 780 nm fluorescence SBR from the same axial locations. The
data for pooled DWEF and SBR vs. ex vivo margin thickness were fit to a line forced through the
origin and the slope of each line and Spearman correlation coefficient were extracted.

3. Results and discussion

3.1. Validation of depth determination in synthetic tissue-mimicking phantoms and
chicken tissue

The custom-built dual wavelength excitation fluorescence imaging system provided high accuracy
in determining the depth of an NIR fluorophore phantom beneath layers of synthetic tissue-
mimicking phantoms and chicken breast tissue, as shown in Fig. 3.

Fig. 3. Portable dual wavelength fluorescence imaging system determines NIR fluorophore
depth under increasing thickness of tissue mimicking phantoms and chicken tissue. A)
Schematic of experimental setup. Comparison between true depth of fluorophore beneath
B) synthetic tissue mimicking phantom and C) chicken tissue. Ratiometric fluorescence
imaging data plotted in blue circles, slope predicted from integrating sphere (IS) in black,
and slope predicted using diffuse reflectance spectroscopy (DRS) in blue. Goodness of fit
of the data to the DRS and IS predictions was measured using R2. (Abbreviations – DM-
dichroic mirror, HP – high pass)

The ratiometric fluorescence intensity is depicted by blue circles and plotted with the
corresponding synthetic tissue phantom thickness. A linear best fit line to the tissue-mimicking
phantom data yielded a goodness of fit R2 value 0.99, highlighting the linearity of the depth-
dependent attenuation of light. In vivo, the depth of the fluorophore is unknown, and thus the
look up table that relates a given ratio to a specific depth is created from the tissue optical
properties. Optical properties were measured using an integrating sphere and diffuse reflectance
spectroscopy as described in the methods, and the predicted line based on optical property
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measurements is shown in black (integrating sphere) and blue (diffuse reflectance). The goodness
of fit of the IS and DRS predictions are shown in Fig. 3(B), and yielded R2 values of 0.97 and
0.99, respectively. The average error in depth prediction for the tissue mimicking phantoms
was 164 µm with a standard deviation of 56 µm, which is likely a clinically acceptable amount
of error. For example, when lumpectomy specimens are visualized using intraoperative CT,
which has a spatial resolution of 100 µm, lesions that appear close to the specimen surface by
a Radiologist’s eye typically warrant removal of additional tissue termed a “shave margin” in
the side of the tumor cavity where the lesion was found. However, the acceptable margin of
error is application dependent and may be smaller for brain tumor resections, for example. In the
chicken breast tissue experiment, the goodness of fit of the fluorescence ratio vs. depth to a linear
curve was 0.89. The predicted slope based on DRS derived optical properties had a goodness of
fit R2 value of 0.86 and showed an average error of 0.47 mm with a standard deviation of 0.29
mm, which is minimal in a clinical environment. The prediction error was larger in the chicken
breast tissue, which has many possible explanations. First, biological tissue is heterogeneous,
and thus assigning a single set of optical property values for the chicken layers is not exact and
expected to be an estimate. Second, measurement of the absolute chicken layer thicknesses was
a challenge, and thus the gold standard measurement of the chicken layer thicknesses is not a
perfect measure. Although we took steps to minimize this error, including creating chicken
tissue holders to prevent the tissue from deforming during the experiment and measuring each
layer thickness with calipers three distinct times and then taking the average, there was some
variability between measurements which could help explain the higher error observed in chicken
tissue. The reasonably low error even in heterogenous tissues representative of what would be
seen in an actual patient is promising for the clinical translation of the proposed technique.

3.2. In vivo validation of depth determination in mouse tumor model injected with NIR
tumor targeting fluorophore

Dual wavelength excitation fluorescence imaging was performed in an in vivo mouse model
of breast cancer, and the extracted clear margin thickness was compared to the clear margins
measured from ex vivo fluorescence images from the excised tumors (Fig. 4).

DWEF yielded high accuracy in predicting tumor depth in a mouse model of breast cancer.
Three image types from each mouse (n=4) are shown in Fig. 5, which include in vivo standard
780 nm excited fluorescence SBR (Column 1), in vivo DWEF (Column 2), and ex vivo fluorescent
intensity images (Column 3) and tumor margin masks (Column 4) of each excised tumor sliced
in half - which served as the gold standard margin thickness. The clear margin thickness based
on DWEF (extracted at the dotted line in Column 2) and the excised tumor margins were plotted
along the same line as the ex vivo tumor axial slicing (Column 5). Error between the gold
standard cross section and DWEF (Column 6) was an average of 0.36 mm with a 0.23 mm
standard deviation, demonstrating DWEF provided high accuracy. A likely contributor to the error
observed in DWEF depth measurements is the fact that tissue naturally acts as a low pass spatial
filter due to high light diffusion, thus changes on small spatial scales are blurred. In addition,
although the authors worked diligently to orient and identify the exact ex vivo specimen locations
mapped in vivo, there is the possibility for some experimental error due to the complexity of the
methodology. Finally, the tumor segmentation method used did not always capture the knobbly
features of the tumor edge (see an example in Fig. S2), and this also contributed to error in the
gold standard margin determination. This segmentation could be improved in future studies.

In addition, the DWEF and SBR results captured from the pixels that span the ex vivo axial
slice location (shown via the dotted lines in Columns 1&2 in Fig. 5) from all four mice were
pooled and plotted against the ex vivo gold standard margin thickness (Fig. 6). When performing
a linear fit through the origin, a slope of 1.02 was achieved with DWEF, demonstrating DWEF’s
ability to quantify absolute depth. In contrast, a slope of 2.194 was achieved using fluorescence
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Fig. 4. Overview of in vivo and ex vivo tumor-targeted fluorophore imaging in tumor bearing
mice. Fluorescence and dual wavelength excitation fluorescence images are first acquired in
vivo (left panel) and intensity and depth maps are created. Mice are sacrificed and the tumor
and surrounding tissue are excised. The tumor is cut down the transverse plane, and the
tumor core is imaged to quantify the margin of tissue surrounding the fluorescently-tagged
tumor (right panel). The location of the axial slice location is shown on the in vivo images
with a dotted line.

SBR, providing little association with depth. Further, a Spearman correlation was calculated
between margin thickness and DWEF and SBR results, yielding correlation coefficients of 0.68
and 0.22, respectively.

The fluorescence SBR is only a (weak) correlate to depth because the 3D fluorophore
concentration is unknown, and the depth and concentration cannot be teased apart with a single
wavelength when using a planar illumination geometry. The average error in the DWEF depth
predictions was lower than the chicken breast tissue layering experiment, likely because the
gold standard measurement (cutting the tumor in half with the skin intact and then performing
fluorescence imaging to delineate tumor margin) was more exact. Similar to the chicken
experiment, using point-based DRS to determine optical property values for each mouse does not
capture tissue heterogeneity, and thus likely contributed to some of the observed error. However,
the technique performed surprisingly well considering this over-simplification. The tradeoff
between the simplicity of the DRS measurements and the accuracy of using this method to provide
a global estimate of the optical properties should be weighed depending on the application and
the degree of heterogeneity in the sample of interest. Taking this simplification a step further,
mouse 4 provided an opportunity to explore the potential of using average tissue properties for a
given tissue type. In relatively homogeneous tissues, prior capture of optical property information
could be incorporated and provide an optical property confidence interval from which subsequent
depth measurements could be determined, obviating the need for optical property capture for
every tissue measured. This would further simplify the experimental setup and decrease imaging
time.
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Fig. 5. In vivo dual wavelength excitation fluorescence (DWEF) imaging provides fluo-
rophore depth with an average error of 340 µm. In vivo images from four tumor-bearing mice
were generated using 780 nm excitation SBR (column 1) and DWEF (column 2). Excised
tumors cut in the transverse plane were placed tumor core side down and imaged (column 3)
to extract tumor margin (column 4). Comparison between in vivo DWEF and ex vivo margin
thickness demonstrates in vivo fluorophore depth determination within 0.5-1 mm accuracy,
and by extension, tumor margin determination (column 5). Error in depth determination
between in vivo DWEF and ex vivo measurements are shown in mm (left y-axis) and percent
error (right y-axis) (column 6).

Fig. 6. In vivo dual wavelength excitation fluorescence (DWEF) has high accuracy in
determining absolute margin thickness compared to fluorescent signal to background ratio
(SBR) measurements. Left) Correlation between in vivo DWEF measurements from each
mouse (M1-M4) and their corresponding gold standard tumor margin thickness. Right)
Correlation between fluorescent SBR and gold standard tumor margin thickness.
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3.3. Comparison to prior studies and implications for the field of FGS

Several groups have used ratiometric fluorescence imaging as a simple method to quantify
fluorophore depth, including a recent study that demonstrated its utility in fluorescence-guided
brain surgery [22]. However, our study is the first to apply the technique to NIR fluorophores,
which have many advantages including increased penetration depth, reduced interference from
autofluorescence, and consequently higher signal contrast compared to background. Due to these
advantages, NIR fluorophores are being increasingly used in biomedical research and clinical
studies. Indocyanine green is an FDA approved NIR fluorophore that is being used clinically for
a wide array of applications, and numerous other NIR fluorophores are at different stages in the
FDA approval process [1], including the tumor-targeting NIR fluorophore, LS301 [29], which
was used in this study. Furthermore, the DWEF system described here is considerably simpler
than previously reported methods. The DWEF system was purposely constructed using relatively
low-cost components, including LEDs, an inexpensive CMOS camera, and low-cost spectrometer,
to create a self-contained, portable imaging system that can be deployed in the operating room or
pathology suite for rapid, intraoperative assessment of surgical margins. The system is enclosed to
prevent the need for dimming or turning off the room lights, and DRS and DWEF measurements
are completed within 5 minutes, minimizing impact on surgical/pathological workflow. At
Washington University in St. Louis, where these studies were conducted, the standard of care for
lumpectomy cases is to intraoperatively scan the excised breast specimens with CT followed by
interpretation by a Radiologist to determine whether additional tissue should be removed from
the tumor cavity. This process takes 5-10 minutes and our DWEF system could be substituted
within this workflow. Although not completed at this time, we are in the process of developing a
hardware and software pipeline to provide automated fluorophore depth maps within seconds. A
major limitation of this study is the use of point-based DRS to provide optical property estimates
for non-homogeneous tissue. This can be overcome by extracting 2D optical property maps using
diffuse reflectance imaging or spatial frequency domain imaging which may be explored in future
studies which would reduce time and minimize specimen handling. Additional limitations include
difficulty handling non-flat surfaces due to the planar geometry. This can be resolved by acquiring
3D surface maps and performing more sophisticated tomographic reconstruction. However, for
the current application, this added complexity is unnecessary as it is easy to compress the sample
to a planar geometry for accurate data collection.

4. Conclusion

This study hypothesized that a simple dual wavelength excitation fluorescence imaging system
could be designed, built, and tested for surgical margin determination. We successfully created
this system and validated its performance in tissue-mimicking phantoms, chicken layering studies,
and tumor margin determination studies with an in vivo mouse model of breast cancer. To
our knowledge, this is the first implementation of such an approach in the near infrared where
fluorescent contrast is improved due to low autofluorescent background and penetration depth
is improved due to lower tissue scattering and reduced absorption of hemoglobin. The system
showed high accuracy, with an average error of 164 µm, 0.44 mm, and 0.36 mm in tissue-
mimicking phantoms, chicken layering studies, and in vivo mouse tumor margin determination,
respectively. Furthermore, when compared head-to-head with fluorescence signal-to-background
ratio, a commonly used metric to assess fluorophore location, the DWEF system showed superior
accuracy and absolute correspondence to depth, whereas SBR showed poor accuracy and only a
relative association to depth. Finally, the system presented is low-cost, rapid (<5 minutes for data
capture), and portable. Further improvements to the optical property determination approach and
automation of data capture and analysis will help expedite the path to clinical translation.
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