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Abstract

Estimating the depth of a fluorescently labeled tumor is beneficial in tumor resection.
In this study, we proposed a method for the three-dimensional position estimation of
fluorescent tumors using Monte Carlo simulations. A limited proof-of-concept experiment
was conducted, and the two-dimensional position of a tumor was estimated by calculating
the centroid of the fluorescence distribution, which was obtained by using excitation light
to scan the surface of the model. The depth of the tumor was estimated by fitting the
analytical equation based on Beer’s law to the diffuse fluorescence profile on the surface
of the model. In the estimation of the two-dimensional position, the distance between the
embedded and estimated tumor coordinates was 0.71 mm. The estimated tumor depths of
2-6 mm closely matched the embedded depths, with an error rate of approximately 20%. In
previous studies, depth estimation was limited to 1-5 mm using visible light, whereas for
the simulation used in the present study, the use of longer wavelengths enabled estimation
at slightly greater depths.

Keywords: Monte Carlo simulation; three-dimensional position; fluorescence; scanning;
diffuse fluorescence profile; Beer’s law; nonlinear fitting

1. Introduction

Detection techniques used for fluorescent objects in tissues using non-targeted and tar-
geted tracers have made remarkable progress in medical applications. Non-targeted tracers
such as fluorescein in the visible region (VIS) visualize retinal perfusion, and indocyanine
green (ICG) in the near-infrared region (NIR) emits strong fluorescence within the body
because it accumulates in tumors with high metabolic efficiency [1,2]. Targeted tracers are
composed of a carrier molecule (such as an antibody, a peptide, or a small molecule) with
a fluorescent probe and are specifically accumulated for the target [3]. In previous studies,
tracers were employed for the detection of breast tumors, the identification of lymph node
metastasis resulting from said tumors, or tumor resection in neurosurgery [4,5]. Since
tumor depth estimation is beneficial for resection, fluorescence molecular tomography was
developed to estimate the three-dimensional localization of fluorescent objects in tissues [6].
However, data acquisition is time-consuming, the required equipment is expensive, and
the optical system is very sensitive to small misalignments in the instrument [7]. As a result,
improved estimation methods for tumor depth have been proposed.

Tumor depth was estimated by measuring the ratio of the fluorescence at two wave-
lengths of 670 and 720 nm in combination with normalization techniques based on diffuse
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reflectance measurements [7]. The wavelength pair was limited due to the smaller spec-
troscopic changes in hemoglobin absorption above 700 nm. Fluorescence topography
was determined up to a 5 mm depth with millimeter-depth accuracy in turbid media
with optical properties representative of normal brain tissue. Petusseau et al. developed
a depth-sensing imaging technique using light detection and ranging time-of-flight tech-
nology to determine the depth of the target tissue [8]. Because fluorescence wavelengths
with IRDye680 were limited due to specifications of the single-photon avalanche diode
sensor, estimating the depth with a sub mm resolution up to a maximum of 5 mm was
possible. Thus, efforts to improve the evaluated depth are needed, which can be achieved
by extending the fluorescence wavelength. Dang et al. proposed a deep-tissue optical
imaging technique in 1000-1700 nm using rare-earth-doped probes, where the surface area
of a tissue with an embedded fluorescent object was excited by a laser of 980 nm in the
trans-illumination scanning configuration [9]. Fluorescent objects with different emission
wavelengths were differentiated using hyperspectral imaging, and each depth up to 50 mm
was estimated using hyper-diffuse imaging.

In the present study, fluorescence obtained by the diffuse reflectance measurement
was evaluated using the hyper diffuse imaging method, and the feasibility of the depth
estimation was examined using Monte Carlo simulations with ICG (approved for clinical
use), which is excited by and emitted at wavelengths of 785 nm and 820 nm, respectively.
Based on previous studies [10-14], we set the appropriate optical parameters of the absorp-
tion coefficient, scattering coefficient, refractive index, and anisotropy for a homogeneous
tissue phantom with 50 x 50 x 28 mm, and a fluorescent sphere tumor with a 4 mm diame-
ter was embedded at different depths of 1 to 6 mm. In the simulation, incident photons
were excluded from fluorescence using a dichroic mirror and a long-pass filter. When
a two-dimensional scan was performed at a constant excitation light intensity, fluorescence
fluence maps on the phantom surface were obtained for each excitation light irradiation
position, and the centroid coordinate was calculated from the fluorescence intensity ratios
at four excitation positions. For the depth estimation of the fluorescent object, the excitation
light intensity irradiated on the surface coordinate was adjusted based on the sensitivity
in the near-infrared region of the actual camera. The obtained fluorescence fluence map
was converted into a diffuse fluorescence profile, and an analytical equation derived from
Beer’s law was fitted to the results for tumor depth estimation. Although the estimated
depth at 1 mm had a 93% error, the depth between 2 and 6 mm indicated high accuracy
compared to a previous study [7]. In addition, we conducted a limited proof-of-concept
experiment based on simulations.

2. Materials and Methods
2.1. Model Setup

Figure 1 shows a scheme of the model used in this study. A voxel-based model with
dimensions of 500 x 500 x 280 pixels (50 x 50 x 28 mm) was created [15], in which
a scattering medium was defined. Appropriate optical properties, including the scattering
coefficient (ys), absorption coefficient (y,), anisotropy factor (g), and refractive index
(n), were assigned to each voxel, as listed in Table 1 [10-14]. The scattering medium
was assumed to contain a 1% intralipid solution, which is commonly used to mimic the
scattering characteristics of a biological tissue [16]. A fluorescent tumor with a diameter of
4 mm, reported as the initial tumor size in Weng et al.’s study, was used in this model [17].
The tumor shape was assumed to be spherical because it is difficult to simulate complex
geometries resembling actual tumors. The fluorescent tumor was embedded at depths
ranging from 1 to 6 mm from the top surface of the scattering medium, with coordinates
of x =250 and y = 250 in the XY plane. ICG (Ex 785 nm/Em 820 nm, QY 0.09, C 20 uM,
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¢C: 3.4 cm 1), the only near-infrared fluorescent dye approved by the FDA, was assumed
to be used as a fluorescent dye [10,18]. This study assumes that the fluorescent dye
concentration within the tumor is constant, which several previous studies have done to
simplify the analysis of light propagation [19,20].

Light axis
y 500 pixels / l
(50 mm)
Depth /:
X L pth / : Scattering
I | medium
Z 280 pixels Fluorescent ¢

(28 mm) tumor

|

500 pixels |
(50 mm)

Figure 1. Scheme of the simulation model. A fluorescent tumor is embedded at a defined depth

within a three-dimensional voxel-based model (500 x 500 x 280 pixels) representing a scattering
medium. The excitation light is incident perpendicular from the top surface along the light axis,
indicated by the red arrow. The coordinate system is defined so that the X-axis corresponds to the
horizontal direction, the Y-axis to the vertical direction, and the Z-axis to the depth direction.

Table 1. Optical properties of the simulation model.

Wa‘;fll;;r;gth Layer pa lem™1] ps [em—1] n g
785 Medium 0.018 30 1.33 0.67
Tumor 1 150 1.45 0.9
820 Medium 0.03 27.4 1.33 0.67
Tumor 0.7 140 1.45 0.9

2.2. Monte Carlo Simulation

For the Monte Carlo simulation, photon migration through the tissue was calculated
using Wang et al.’s computational procedure [21]. The simulation code was developed
by lida et al. [10] using the C programming language within Microsoft Visual Studio 2022
(Version 17.1.4). Briefly, the travel distance and direction of the photon were determined
using random numbers generated by the Mersenne twister method [22]. The weight of
each excitation photon was initially unity and then subsequently reduced by p,/us (p¢
is the sum of s and y,) during one movement of the photon to the next site. At each
boundary between the two layers, the photons were reflected or transmitted based on the
Fresnel reflectance, which was calculated from the refractive indices n of each layer [21].
Random photon paths were calculated until the weight of the photon was reduced to below
the threshold or left the medium. The weight of each photon absorbed within each voxel
was scored for fluorescence after inputting a million excitation photons, and the sum of
all photon weights in each voxel was divided by the u, of the voxel to obtain the fluence.
If the input photon beam is measured in W/ cm? as the power density, the unit of fluence
is also W/cm? [21]. In the present study, the fluence in each voxel was multiplied by the
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particular irradiation intensity (W/cm?) and divided by the number of excitation photons
to obtain the absorbed fluence per voxel (W/cm?).

2.3. Monte Carlo Fluorescence Model

In this study, one million photons were launched from the XY plane (see Figure 1),
and each photon was tracked during random walks based on the optical parameters
of the tissues (Table 1). Excitation photon propagation was displayed as the internal
photon distribution using fluence, which scores the photon weight absorbed within the
grid elements (r, z) based on the absorption coefficients of the scattering medium and the
fluorescent tumor. Because the step size was 0.01 cm, each element occupied 0.013 ecm? [23].
In the present study, fluence was considered to be the weight of the photons that passed
per unit area; in other words, it is the amount of energy that is passed per unit area
(W/cm?). After completion of the tracking of all excitation photons, a million photons
at the emission wavelength were generated at randomly determined points within the
tumor. The initial weight of a fluorescence photon was calculated as the excitation photon
weight multiplied by the quantum yield (QY) of the fluorescent dye. In the first generation
step, both azimuth and zenith angles toward the subsequent interaction site were set to
isotropic using different random numbers. Thereafter, the isotropic azimuth and zenith
angles with substantial forward-scattering properties toward the next interaction site were
generated.. The fluorescence intensity (W /cm?) was calculated by multiplying the fluence
at each voxel by a specified irradiation intensity (W/cm?) and dividing by the number of
excitation photons [23].

2.4. Three-Dimensional Position Estimation (Simulation Methods)
2.4.1. Two-Dimensional Position Estimation (Simulation Methods)

To estimate the two-dimensional position of the fluorescent tumor, the excitation
light was scanned on the top surface of the model. In the present study, the excitation
light scanning range and interval were set considering the balance between simulation
accuracy and computation time. Excitation light was irradiated at 25 points with 5 mm
intervals over a 20 x 20 mm area on the top surface of the model. For each excitation
light irradiation position, a fluorescence fluence map on the model surface was generated,
and the accuracy of the two-dimensional position estimation was subsequently evaluated.
Therefore, the distance between the estimated fluorescent tumor coordinates and the actual
embedded tumor coordinates was calculated, where the estimated coordinates—defined as
the centroid of the fluorescence intensity ratios obtained at the four points on the model
surface—were calculated using the results from four of the twenty-five simulated excitation
light irradiation positions. The fluorescence intensity represents the average value within
a 10 x 10-pixel area centered at the centroid coordinates of each fluence map. The centroid
(x¢, yc) was calculated using Equation (1).

Y. — Zil\i1 Iixiy _ Zfil Ly;
c — c — .
YN YN

(1)

In this equation, (x, yc), N, (x, y), and I are the centroid coordinates, the number of
data points, the excitation light irradiation coordinates, and the fluorescence intensity,
respectively. Then, the distance between the centroid (x, y.) and the embedded fluorescent
tumor center (250, 250) was calculated. Moreover, to simulate the excitation light scanning
expected in the actual measurements, we performed simulations using a 1 mm scanning
interval to determine how fluorescence fluence changes based on the distance between
the excitation position and the tumor. As a result of these conditions, the excitation
light scanning assumed in the experimental measurements was reproduced, enabling
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an evaluation of how the fluorescence fluence obtained on the surface of the scattering
medium varies with the distance between the fluorescent tumor and the excitation light
irradiation position. The excitation light intensity was set to 0.5 mW/cm? at all depths
for the purpose of estimating the two-dimensional position of the tumor. This value was
selected based on the maximum excitation intensity experimentally determined with the
camera (MCM-303NIR, Gazoo, Niigata, Japan) and did not cause fluorescence saturation at
a depth of 1 mm. The excitation beam diameter was set to 1 mm, which corresponded to
the minimum beam size of the light source used for the actual measurement system.

2.4.2. Depth Estimation (Simulation Methods)

To estimate the depth of the fluorescent tumor, simulations were performed for tumor
depths ranging from 1 to 6 mm. Fluorescence becomes more strongly scattered as the tumor
depth increases, which is a characteristic that was used to estimate the tumor depth in this
study. Therefore, for each tumor depth ranging from 1 to 6 mm, the excitation light intensity
was set to the maximum value that did not exceed the saturation intensity of the camera
used in the experimental system. This is based on the fact that, in actual measurements, it
is easy to adjust the excitation light output while monitoring the camera image in real time
to ensure that the fluorescence intensity is similar at each depth. Based on the fluorescence
imaging results obtained with the experimental system, simulations were conducted to
determine the fluorescence fluence that did not exceed the camera’s saturation intensity. As
a result, the fluorescence fluence at each depth was 1.29 x 10~5, and multiple simulations
were subsequently performed to determine the excitation light intensity for each fluorescent
tumor depth, resulting in excitation intensities for tumor depths of 1-6 mm being 0.5, 1.0,
2.3,4.5,7.0, and 14.5 mW /cm?, respectively. Based on a previous study [9], the resulting
fluorescence fluence maps for each depth were converted into diffuse fluorescence profiles,
and the analytical equation was fitted to these profiles. We used fluorescence fluence maps
at the surface of the scattering medium obtained for each tumor depth. The map was
converted into a diffuse fluorescence profile representing the change in fluorescence fluence
with distance from the excitation light irradiation position. The estimated tumor depth was
obtained by fitting the following analytical Equation (2)—which describes the change in
fluorescence intensity as a function of the distance—to this profile.

I(}f) — A.eiyeff(d+ v 7‘2+d2). (2)

In this equation, I(r), A, Hes, d, and r are fluorescence fluence as a function of the distance
r, an arbitrary constant, the attenuation coefficient of the scattering medium, the depth of
the fluorescent tumor, and the distance from the excitation position, respectively. Fitting
parameters included A, ¢, and d, and fitting was performed using a nonlinear least-
squares method, applying an initial value of 0.80 only to p.¢, whereas no initial values were
assigned to A and d. The attenuation coefficient of the scattering medium was calculated

Heff = /3 Ha(pa + p§)- )

Here, peff, fa, and p} are the attenuation coefficients of the scattering medium, the absorp-

using Equation (2) below.

tion coefficient of the medium, and the reduced scattering coefficient [9] of the medium,
respectively. In Table 1, the attenuation coefficient of the medium at two wavelengths,
785 nm and 820 nm, was calculated using the absorption coefficient (y,), scattering coeffi-
cient (ys), and anisotropy parameter (g). As a result, po¢ was determined to be 0.73 and 0.90
at the excitation and fluorescence wavelengths, respectively. Considering the attenuation
of both excitation and fluorescence light, the initial value of the attenuation coefficient was
set to 0.80. The analyses described in this section were conducted using MATLAB R2021a,
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Two-axis

motorized stage

except for the curve fitting process, which was performed using the Solver function in
Microsoft Excel.

2.5. Limited Proof-of-Concept Experiment (Experimental Methods)
2.5.1. System Setup

A limited proof-of-concept experiment was conducted using the system shown in
Figure 2. The 785 nm excitation light source (LP785-SF20, THORLABS, Newton, NJ, USA)
was connected to a two-axis motorized stage (HPS120-60X-M5, SSIGMAKOKI Co., Tokyo,
Japan), which was connected to a controller (SHOT-702H, SIGMAKOKI Co., Tokyo, Japan)
and a PC, and was operated using a PC program. The excitation light was scanned over
a 20 x 20 mm area on the sample surface at 1 mm intervals, passed through a dichroic
mirror (69220, Edmund Optics, Barrington, NJ, USA) placed at 45°, and scanned over the
sample containing the fluorescent dye. The fluorescence emitted upward was reflected by
the dichroic mirror and detected by the camera (MCM-303NIR, Gazoo Co., Niigata, Japan),
which has a quantum efficiency of 40% around 800 nm, and the acquired images were
785 x 480 pixels (55 x 35 mm). These images are represented in 8-bit grayscale. The sample
to be imaged consisted of a 50 x 50 x 50 mm container, a 1% intralipid solution (Intralipos
20%, Otsuka Pharmaceutical Co., Tokyo, Japan), a fluorescent dye, and a supporting pillar.
ICG (10535, Tokyo Chemical Industry, Tokyo, Japan) was used as a 4 mm diameter spherical
fluorophore, which was fabricated by pouring an agar solution mixed with ICG (20 uM)
into a silicone mold with a 4 mm diameter spherical cavity and allowing it to solidify. By
mounting the fluorophore on a supporting pillar with a height of 19-23 mm and filling the
container with intralipid solution up to a height of 28 mm, fluorophore depths of 1-5 mm
were achieved.

B

Excitation
light source

Excitation light source

—— Excitation light

Fluorescence

Camera
:D \\Dichroic mirror

| f
Two-axis
motorized stage

Figure 2. System for the limited proof-of-concept experiment (A) and its schematic diagram (B). The
785 nm excitation light source is connected to a two-axis motorized stage, which is connected to
a controller and a PC, and was operated using a PC program. The excitation light passes through
a dichroic mirror placed at 45° and is used to scan the sample containing the fluorophore. The
fluorescence emitted upward is reflected by the dichroic mirror and detected by the camera.

2.5.2. Two-Dimensional Position Estimation (Experimental Methods)

To estimate the two-dimensional position of the fluorophore, the excitation light was
scanned over a 20 x 20 mm area on the top surface of the sample at 1 mm intervals, and
an image was acquired at each excitation light irradiation position. In the simulation, the
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accuracy of two-dimensional position estimation was evaluated using fluence maps ob-
tained at four excitation positions, each located 5 mm away from the fluorophore. Because
the scanning interval was 1 mm, the accuracy of two-dimensional position estimation was
evaluated using the images acquired at four excitation positions embedded 1-5 mm from
the fluorophore at 1 mm increments for each depth. For each depth from 1 to 5 mm, three
experiments were performed.

2.5.3. Depth Estimation ( Experimental Methods)

To estimate the depth of the fluorophore, the excitation light intensity was adjusted at
each depth from 1 to 5 mm so that the fluorescence intensity reached the maximum level
without saturation. The excitation light intensities at depths of 1-5 mm were 0.2,1.9,4.2, 8.4,
and 15.0 mW, respectively. Because the maximum output of the excitation light source in
the experimental system was 20 mW, the experiment at a depth of 6 mm was not performed
to avoid the risk of damaging the light source. For each depth, the image obtained when
the excitation light was irradiated directly above the fluorophore was used in the analysis.
Following the methodology of a previous study [9], a Gaussian filter was applied to each
acquired image at each depth, which were then converted into diffuse fluorescence profiles,
to which Equation (2) was fitted to obtain the estimated fluorophore depth. For each depth
from 1 to 5 mm, three experiments were performed.

3. Results

3.1. Three-Dimensional Position Estimation (Simulation Results)
3.1.1. Two-Dimensional Position Estimation (Simulation Results)

Figure 3 shows the color map of the excitation (Figure 3A) and fluorescence (Figure 3B)
fluences when a spherical fluorescent tumor with a diameter of 4 mm was embedded at
a depth of 4 mm. Both maps are cross-sectional slices at the center of the fluorescent
tumor in the X-Y plane. Although the simulation was conducted with 25 excitation light
irradiation points arranged at 5 mm intervals in a 20 x 20 mm area, only the results of
9 representative points are shown, because the excitation light is irradiated symmetrically
around the center of the fluorescent tumor. The excitation light is incident from the
top surface of the scattering medium and propagates isotropically within the medium
(Figure 3A). Because the excitation light was scanned at 5 mm intervals, higher fluence was
observed within the fluorescent tumor when the beam was positioned closer to the tumor.
The fluorescence fluence is isotropically emitted from the fluorescent tumor in proportion
to the excitation light fluence (the right columns of A and B). Furthermore, variations in
intensity can be observed depending on the excitation light irradiation position (Figure 3B).

Figure 4 shows the results of calculating the two-dimensional position of the fluo-
rescent tumor. The fluorescent tumor was embedded at a depth of 4 mm, with its center
coordinates at (x, y) = (250, 250). Excitation light was irradiated at 25 positions arranged
on a 20 x 20 mm area of the scattering medium surface, with 5 mm intervals between
the points. Then, the coordinates of the fluorescent tumor were estimated based on the
fluorescence intensity at the surface of the scattering medium obtained when excitation
light was irradiated at four points: (200, 200), (300, 200), (200, 300), and (300, 300). The
fluorescence intensities obtained at the four excitation light positions were 1.59 x 107°,
1.57 x 107%,2.17 x 107°, and 2.02 x 107® W/cm?, respectively. The centroid coordinates
were calculated based on the ratios of these four intensities. As a result, the distance
between the embedded fluorescent tumor coordinates (250, 250) and the calculated centroid
coordinates (248.84, 242.99) was 0.71 mm.
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Ex. Fluence [log10 W/cmZ]

Em. Fluence [log10 W/cmz]

1
®

Figure 3. Fluence map of excitation (A) and fluorescence (B) for a fluorescent tumor embedded
at a depth of 4 mm. The panels represent nine results obtained by varying the excitation light
irradiation position. Three red arrows above the excitation maps indicate that the excitation light
irradiation positions change along the X direction at 5 mm intervals from right to left. On the left
side, three diagrams indicate that the excitation light irradiation positions change along the negative
direction of the Y axis at 5 mm intervals from the center of the fluorescent tumor. (A,B) show the XZ
cross-sectional view through the center of the fluorescent tumor. The white scale bar in the figure
represents 20 mm. Color bars indicate fluence values on a logarithmic scale (logyg W/cm?).

A

2.02x107% |I-6

Em. Fluence [log10 W/cm?]

1.59%x10°% 1.57 x10°¢

Figure 4. Evaluation of the accuracy of two-dimensional position estimation for the fluorescent
tumor. (A) The left panel shows a top view of the 20 x 20 mm excitation light scanning area on the
model surface (XY plane). The red circles labeled with the numbers 1—4 indicate the 4 excitation
light irradiation coordinates used for the centroid calculation (1: (200, 300); 2: (300, 300); 3: (200, 200);
4: (300, 200)). The black circle represents the center coordinate of the embedded fluorescent tumor
(250, 250), while the blue circle represents the centroid coordinate (248.84, 242.99) corresponding to
the estimated position of the fluorescent tumor. The distance between these coordinates (indicated by
the red arrow) is 0.71 mm. (B) Right panels are the fluorescence fluence maps on the model surface
obtained by irradiating excitation light at each coordinate marked with red circles labeled 1-4. The
white scale bar shown in the fluence map represents 20 mm. The fluorescence fluence values are
shown at the bottom of each map (1: 2.17 x 107%;2: 2.02 x 1076, 3: 1.59 x 107°; 4: 1.57 x 107°). The
color bar indicates fluence values on a logarithmic scale (log;g W/ cm?).

https://doi.org/10.3390/0opt7010002


https://doi.org/10.3390/opt7010002

Optics 2026, 7, 2

90f18

Figure 5 shows the change in fluorescence fluence as the excitation light is scanned
horizontally in 1 mm increments. As the light moved stepwise to the right relative to the
center of the fluorescent tumor (top of Figure 5), the detected fluorescence fluence gradually
decreased. Furthermore, the decrease in peak intensity was also observed through the
regression line (y = —0.25x +2.07, R? = 0.88; bottom of Figure 5).

A

o o o o -

Em. Fluence [log10 W/cmzl

B x107°
2.5 ‘

a 2 'oo....
.g L4 oo.....
3 1.5 ®
g . ...."0.
@ @,
§ 1 TP
=]
e 0.5

0 1 1 1 1 J

0 1 2 3 4 5

Shift in excitation light (mm)

Figure 5. Relationship between the excitation light irradiation position shift and the fluorescence flu-
ence. (A) The top row shows schematic illustrations of the excitation positions and the corresponding
fluorescence fluence map on the surface of the model, displayed on a logarithmic scale (logjg W/cm?).
A spherical fluorescent tumor (blue) was positioned at a depth of 3 mm, where the excitation light
(red) was incrementally shifted to the right from the tumor center at 1 mm intervals. The white scale
bar shown in the fluence map represents 20 mm. (B) The bottom graph plots the average fluorescence
fluence obtained from each fluence map. The horizontal axis indicates the lateral displacement of
the excitation light from the tumor center, and the vertical axis indicates the corresponding average
fluorescence fluence (W /cm?) calculated over a 10 x 10-pixel area centered at the centroid pixel of
the fluorescence distribution. The dotted line is a regression line added to indicate the trend in the
change in intensity.

3.1.2. Depth Estimation (Simulation Results)

Figure 6A presents the fluorescence simulation results when the fluorescent tumor
was embedded at depths ranging from 1 to 6 mm. As the tumor depth increased, the fluo-
rescence distribution became more diffuse due to scattering within the medium. Figure 6B
shows the diffuse fluorescence profiles converted from the fluorescence fluence maps at
each depth. It can be observed that the deeper the fluorescent tumor is embedded, the
more the fluorescence spreads. Figure 7 presents the results of fitting using the analytical
equation (Equation (2)), along with the estimated depths obtained (Figure 7A) and the error
rates relative to the embedded tumor depths (Figure 7B). In Figure 7A, the horizontal axis
represents the embedded depth ranging from 1 to 6 mm, while the vertical axis indicates the
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estimated depth. A strong correlation was observed between the embedded and estimated
depths (R? = 0.98), indicating the validity of the fitting approach. In Figure 7B, the hori-
zontal and vertical axes, respectively, represent the embedded depth and the error rate of
the estimated depth relative to the embedded depth. In the tumor depth range of 1-6 mm,
the error rate tends to decrease as the fluorescent tumor is embedded deeper. Additionally,
in models with tumor depths beyond 7 mm, fluorescent tumor position estimation was
performed by scanning the excitation light. However, when the tumor depth exceeded
7 mm, fluorescence could not be detected on the surface of the scattering medium. This
is attributed to the low-excitation light intensity (0.5 mW) used for two-dimensional
position estimation.

>
o

1.2 ¢

depth1mm
_ % O O — depth2mm
5 § 0.8 — —depth3mm
= £
% 3 06 b depth4 mm
2 N 1 \\\\N = depth 5mm
g s 04 |
€ E — — depth 6 mm
E S 02¢
e S N S e
- 0

0 5 10 15 20 25

Distance (mm)

Figure 6. The fluorescence distribution for the fluorescent tumor embedded at different depths
(1-6 mm). (A) Fluorescence fluence maps on the model surface when excitation light is irradiated
directly above the fluorescent tumor at each depth. Fluence values are shown on a logarithmic scale
(log1o W/ cm?). The white scale bar in the figure represents 20 mm. (B) Diffuse fluorescence profiles
derived from the corresponding fluence maps. This shows the relationship between the distance
from the excitation light irradiation position and the change in fluorescence fluence corresponding to
that distance. The vertical axis is normalized to the maximum fluence at each depth.

>

B

- 100

Errorrate (%)

= N w £ (3,1 »
T

Estimateddepth (mm)

1 1 1 L J -20 1 1 1 1 1 ]
1 2 3 4 5 6 0 1 2 3 4 5 6
Embedded depth (mm) Embedded depth (mm)

Figure 7. Results of depth estimation of the fluorescent tumor by fitting. (A) The relationship between
the embedded depth of the fluorescent tumor and the estimated depth. The dotted line indicates
a regression line (y = 0.74x + 0.99, R? = 0.98). (B) The relationship between the embedded depth of
the fluorescent tumor and the error rate of the estimated depth relative to the embedded depth.
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3.2. Limited Proof-of-Concept Experiment (Experimental Results)
3.2.1. Two-Dimensional Position Estimation (Experimental Results)

Table 2 presents the two-dimensional position estimation error of the fluorophore.
With greater depths of the embedded fluorophore, sufficient fluorescence was detected for
estimation even when the excitation light scanning interval was large. This is attributed to
the fact that scattering in the intralipid solution increases with greater fluorophore depth.
As a result, more excitation light reaches the fluorophore, inducing fluorescence emission.
The estimation accuracy tends to decrease as the excitation light scanning interval increases.

Table 2. Two-dimensional position estimation accuracy of the fluorophore. The upper line shows the
mean value, and the lower line shows the estimation errors for the three trials. The unit for both is
millimeters (mm). The crosses in the table indicate that fluorescence was not detected.

1 mm 2 mm 3 mm 4 mm 5mm
Interval Interval Interval Interval Interval
0.34 1.39
Dg’i‘ 1 (059,029, (2.4, 0.89, x x x
0.13) 0.83)
0.22 0.87
Df;’i‘ 2 (0.28,0.19,  (0.58,1.05, x x x
0.20) 0.98)
0.15 0.46 1.75
Diﬁ’i‘ 3 (0.15, 0.14, (0.48,0.44, (3.18, 0.78, X X
0.16) 0.46) 1.29)
Depth 4 0.11 0.28 0.68 1.24 2.03
rrI:m (0.22, 0.09, (0.66, 0.14, (1.35,0.24, (1.11,1.78, (3.38,1.59,
0.02) 0.04) 0.45) 0.84) 1.13)
Depth 5 0.16 0.38 0.76 1.52 1.38
nI:m (0.30, 0.01, (0.76, 0.12, (1.02, 0.55, (2.00, 091, (1.78, 1.44,
0.18) 0.27) 0.72) 1.66) 0.92)

3.2.2. Depth Estimation (Experimental Results)

Figure 8 shows the acquired images and the diffuse fluorescence profiles for each
fluorophore depth. As shown in Figure 8A, the fluorescence spread with increasing fluo-
rophore depth due to the effect of scattering. The diffuse fluorescence profiles in Figure 8B
reflect the differences in fluorescence spread at each depth. Figure 9 shows the estimated
fluorophore depths obtained by fitting, along with their error rates, with Figure 9A showing
the estimated depth values corresponding to the depths at which the fluorophores were
embedded. The plots indicate the averages of three experiments. The results of three
experiments at each depth from 1 to 5 mm are as follows: a 1 mm depth: 1.19 mm, 1.85 mm,
and 1.04 mm; a 2 mm depth: 2.20 mm, 1.83 mm, and 1.83 mm; a 3 mm depth: 2.75 mm,
2.71 mm, and 2.06 mm; a 4 mm depth: 3.34 mm, 3.62 mm, and 3.68 mm; and a 5 mm depth:
3.91 mm, 4.22 mm, and 4.27 mm. A strong correlation (R? = 0.99) was observed between
the embedded fluorophore depth and the estimated depth. Figure 9B shows the error rates
of the estimated depths relative to the embedded depths. The plots indicate the average
error rates of the three experiments, which were within +30%.
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Figure 8. Fluorescence distribution of fluorophores embedded at different depths (1-5 mm).
(A) Images acquired at each depth when the excitation light was irradiated directly above the
fluorophore. The white scale bar in the figure indicates 20 mm. (B) Diffuse fluorescence profiles
corresponding to each image, showing the relationship between the distance from the excitation light
irradiation position and the corresponding fluorescence intensity. The vertical axis is normalized by
the maximum fluorescence intensity at each depth.
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Figure 9. Results of the estimated depths of the fluorophore, with plots indicating the averages
of three experiments. (A) Relationship between the embedded depth of the fluorophore and
the estimated depth. The dotted line indicates the regression line (y = 0.71x + 0.56, R? = 0.99).
(B) Relationship between the embedded depth of the fluorophore and the error rate of the estimated
depth.

4. Discussion
4.1. Two-Dimensional Position Estimation (Simulation)

As shown in Figure 4, the distance between the embedded and estimated tumor co-
ordinates at a depth of 4 mm was 0.71 mm. Zhou et al. examined the position estimation
accuracy of a fluorescent source using FMT [24]. Here, the distance between the centroid of
the embedded fluorescent target and that of the reconstructed image was approximately
0.2-0.3 mm. The results reported by Zhou et al. were superior to the estimation accuracy
in the present study. However, FMT requires a large-scale setup and has a long compu-

https://doi.org/10.3390/0opt7010002


https://doi.org/10.3390/opt7010002

Optics 2026, 7, 2

13 of 18

tation time, thus limiting clinical implementation and real-time applicability. In contrast,
our approach provides a faster and simpler estimation of the tumor position, which is
advantageous for real-time clinical applications.

4.2. Depth Estimation (Simulation)

The depth estimation results obtained in the present study were compared with
those reported in a previous study [7], in which the error rates for the estimated depths of
fluorescent tumors ranging from 1 to 5 mm were generally within 25%. In contrast, as shown
in Figure 7B, we found that the error rates for estimated depths from 1 to 5 mm were 93%,
24%, 1%, 7%, and 5%, respectively, confirming the tendency that shallower tumors, such
as those at depths of 1-2 mm, are associated with larger estimation errors. This tendency
can be attributed to insufficient fluorescence scattering in the shallow region, leading
to a steeper diffuse fluorescence profile observed on the model surface (see Figure 6B).
Therefore, the fitting accuracy with the analytical equation may have been reduced. In
a previous study, an error of up to approximately 2 mm between the embedded and
estimated depths was considered acceptable. In the present study, the maximum error
obtained was 0.9 mm at a depth of 1 mm, which is sufficiently smaller than the error
reported in the previous study. Alexa Fluor 647, which has an emission peak in the visible
wavelength range (around 650 nm), was assumed in the previous study. Therefore, Alexa
Fluor 647 does not penetrate deep into the medium compared to light in the near-infrared
wavelength range. As a result, it may be difficult to estimate fluorescent tumors embedded
deeper than 5 mm. In contrast, ICG, which has an emission peak in the NIR (around
820 nm), was assumed as the fluorescent dye in the present study. This enables the accurate
depth estimation of tumors embedded deeper in the medium. In particular, as shown
in Figure 7B, high estimation accuracy within a 10% error rate was achieved for depths
between 3 and 5 mm. In a previous study [8], a depth-sensing imaging technique based on
fluorescence time-of-flight was employed, enabling depth estimation with sub-millimeter
resolution up to 5 mm. In the present study as well, the maximum depth estimation error
was 0.9 mm at a depth of 1 mm, demonstrating accuracy comparable to that reported in
the previous study. Furthermore, in the previous study, IRDye 680, which has an emission
peak in the visible region, was used as the fluorescent dye. Therefore, depth estimation
beyond 6 mm is difficult. In contrast, in the present study, ICG with an emission peak in
the NIR region was assumed, allowing depth estimation up to 6 mm, which is slightly
deeper. In another previous study [9], a deep-tissue imaging technique using excitation
light scanning was developed. By extending the wavelength range into the SWIR region
(1000-1700 nm), the estimation of fluorescent tumors embedded up to 50 mm deep in tissue
was reported. In the present study, the positions of fluorescent tumors were estimated
up to a depth of 6 mm using NIR wavelengths. Therefore, the previous study achieves
a greater estimation depth. However, the SWIR wavelength range cannot be applied to
clinical fluorescence tumor estimation because no fluorescent dyes in this wavelength range
have been approved for clinical use.

4.3. Limits of Simulation

According to previous studies, in this simulation, it is assumed that the concentra-
tion distribution of the fluorescent dye within the tumor and the optical properties of
the scattering medium are uniform [19,20]. By simplifying the model, the fundamental
effectiveness of the fluorescent tumor position method was evaluated. However, in ac-
tual biological tissues, there are spatial variations in the concentration of fluorescent dye
within the tumor and in the optical properties of normal tissues. Considering these fac-
tors, the fluorescence distribution and diffuse fluorescence profiles are expected to change,
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making depth estimation more complex. In the future, it will be necessary to construct
a model considering these factors and evaluate their impact on the depth estimation of
fluorescent tumors.

In the reflection configuration, fluorescence is assumed to be detected through the same
optical path as the excitation light. However, since the simulation tracks only fluorescent
photons, interference from the excitation light that occurs in experimental measurements is
not considered. As a result, the obtained fluorescence fluence map is idealized.

In experiments, a dichroic mirror and a long-pass filter will be used in combination.
The dichroic mirror separates 90% of the excitation light and fluorescence by wavelength.
Furthermore, in front of the detector, a long-pass filter blocks 90% of the excitation light.
Therefore, the interference from excitation light during fluorescence detection is considered
to be minimized.

4.4. Effects of Optical Properties and Tumor Size

Depending on the optical properties of the model, the estimated depth may vary.
According to [25], the absorption coefficient and scattering coefficient of brain tissue at
800 nm are reported to be 0.2 cm~! and 80 cm !, respectively. As shown in Table 1, the
absorption and scattering coefficients of the intralipid solution at 800 nm are approximately
0.02 cm~! and 30 em™!. Thus, both coefficients are somewhat higher in brain tissue. If the
optical properties of brain tissue were applied, the stronger absorption would decrease
the fluorescence intensity, while the stronger scattering would broaden the full width at
half maximum of the diffuse fluorescence profile. Consequently, the estimated depth may
become a little larger. However, a comprehensive sensitivity analysis examining the effects
of changes in the four optical properties, including the refractive index and anisotropy
parameter, has not been conducted. Therefore, evaluating the robustness of the pro-
posed method against optical properties that vary under physiological conditions remains
a subject for future investigation.

To examine how tumor size affects depth estimation, simulations were performed
only at a depth of 5 mm, varying the tumor diameter to 2, 4, and 6 mm. The estimated
depths for each tumor size were 4.86, 4.75, and 4.99 mm, respectively. The range of these
estimates was 0.24 mm. For the newly added fluorescent tumor sizes of 2 mm and 6 mm,
the depth estimates showed smaller errors from the true depth of 5 mm than those for the
4 mm tumor. The effect of tumor size on the estimated depth was evaluated only at a depth
of 5 mm, and was not investigated at other depths. Therefore, caution is required when
generalizing the estimation accuracy at a depth of 5 mm to other depth—size combinations.

4.5. Comparison Between Simulation and Limited Proof-of-Concept Experiment
4.5.1. Two-Dimensional Position Estimation (Comparison)

In the simulation, the estimation error of the two-dimensional position at a depth
of 4 mm was 0.71 mm when the excitation light was scanned at 5 mm intervals. As
shown in Table 2, when the experimental scanning interval is set to the same 5 mm as
in the simulation, the estimation error is 2.03 mm. Therefore, under the same scanning
interval, the simulation showed higher estimation accuracy. However, in the experiments,
reducing the excitation light scanning interval to 2 mm or less decreased the estimation
error. These results indicate that while the simulation provides higher estimation accuracy
when the excitation light scanning interval is the same at 5 mm, the experiments surpass
the simulation in estimation accuracy as the scanning interval is reduced.
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4.5.2. Depth Estimation (Comparison)

Figure 10 shows the fluorescence images obtained from the simulation and the exper-
iments at depths of 1-5 mm. Both are fluorescence images used for depth estimation of
the fluorophore, and the simulation images, converted to a linear scale, correspond to the
fluence images in Figure 6A. The simulation images show more spread-out fluorescence
than the experimental images, which is attributed to the difference in the effective attenua-
tion coefficient (yef) of the medium. In the simulation, the estimated ¢ obtained from
fitting was 0.30 mm~!. This value represents the average of the estimated ¢ across all
depths. Similarly, the estimated pqg in the experiment was 0.64 mm~!. Therefore, in tissues
with an attenuation coefficient ranging from 0.30 to 0.64 mm~!, the depth estimates are
likely to be evaluated accurately. In a previous study [25], the attenuation coefficients of
various brain regions at 800 nm were calculated using Equation (3). The wavelength of

800 nm is a representative value between the excitation wavelength of ICG at 785 nm and its
1

1

fluorescence wavelength at 820 nm. As a result, the attenuation coefficients were 0.22 mm™
in the gray matter, 1.28 mm ! in the white matter, 0.68 mm ! in the cerebellum, 0.39 mm ™
in the pons, and 0.53 mm ! in the thalamus. Therefore, in brain tissues other than the
white matter and cerebellum, the depth can likely be estimated accurately. Therefore, under
the constraints of tissue attenuation coefficients, the simulation demonstrates a reasonable

approximation of the depth estimates observed in experiments.

Figure 10. Comparison of fluorescence images between the simulation and the experiment. Fluores-
cence images from the simulation (left) and experiments (right) at fluorophore depths of 1-5 mm are
shown. Each white scale bar indicates 20 mm.

4.5.3. Limits of Proof-of-Concept Experiment

This was performed using a simplified phantom and did not account for tissue het ero-
geneity, motion, or biological variability. Considering these points, the present experiment
is regarded as a preliminary validation to demonstrate the effectiveness of the proposed
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method. Future investigations are required to evaluate the applicability of the method to
biological tissue in actual clinical settings.

The maximum depth that can be estimated in the present study (simulation:
6 mm; experiment: 5 mm) remains limited compared with estimation methods targeting
deeper tissues [9].

4.6. Beer’s Law Under Scattering Conditions

Beer’s law, which was used in this study, describes the attenuation of light due to
absorption in a medium. Dang et al. reported a study that utilized Beer’s law, in which
light propagating through a scattering medium attenuates exponentially with optical path-
length [9]. The original form of Beer’s law may not be suitable in models where scattering
is dominant. Previous time-resolved spectrophotometry studies have demonstrated that,
even when photons travel along nonlinear paths due to strong scattering, their intensity
decays exponentially as a result of absorption [26]. This study indicates that, when consider-
ing the microscopic paths of photons, absorption-induced attenuation is independent of the
degree of scattering and can be described as an exponential decay regardless of scattering
effects. Furthermore, when this relationship is extended to continuous illumination, the
apparent optical pathlength through tissue is not affected by physiological variations in
absorption. In this study, because the absorption coefficient is defined as a constant, the
light intensity in the scattering medium can be approximated using exponential attenuation.
Therefore, this analytical equation does not fully capture the complexity of photon transport
in biological tissue with heterogeneous optical properties.

4.7. Application to the SWIR Wavelength Range

By updating the simulation parameters to those appropriate for SWIR wavelengths,
our method can be applied to the SWIR wavelength range. It has been documented that
extending the wavelength range to SWIR allows light to penetrate deeper into the medium
compared to NIR wavelengths [27]. In the present method, the excitation light intensity
was set to 0.5 mW, which corresponds to the maximum intensity that does not saturate the
fluorescence intensity at a depth of 1 mm in the experimental measurements. Consequently,
the estimation of the two-dimensional position and depth could only be achieved down to
6 mm. However, by using SWIR fluorescent dyes and corresponding SWIR light sources, it
may be possible to obtain sufficient fluorescence for detection even beyond 7 mm, enabling
two-dimensional position and depth estimation. However, the SWIR wavelength range
cannot be applied to clinical fluorescence tumor estimation because no fluorescent dyes in
this wavelength range have been approved for clinical use.

5. Conclusions

In this study, we proposed a method for three-dimensional position estimation of a flu-
orescent tumor using an excitation light scanning configuration and evaluated its feasibility
using Monte Carlo simulations. A voxel model simulating the scattering characteristics
of biological tissue was created. In a two-dimensional position estimation of the fluores-
cent tumor, we investigated how the distance between the tumor and the excitation light
positions affects the excitation and fluorescence fluence. Then, the distance between the
coordinates of the embedded fluorescent tumor and the estimated coordinates was calcu-
lated to evaluate the accuracy of the two-dimensional position estimation. The fluorescent
tumor depth was estimated by fitting an analytical equation to the fluorescence distribu-
tion obtained on the model’s surface. In the simulation, the estimated tumor depths of
2-6 mm showed high-precision agreement with the embedded depths, with an error rate of
approximately 20%. In previous studies [7], depth estimation was limited to 1-5 mm using
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visible light, but in the present study, the use of longer wavelengths enabled estimation at
slightly greater depths. This limited proof-of-concept study was conducted using an experi-
mental system. The simulations, when compared with the experimental measurements, did
not produce any inconsistencies. In the estimation of the two-dimensional position of the
fluorophore, it was observed that the estimation error tended to decrease as the excitation
light scanning interval became smaller. The simulation provides higher estimation accuracy
when the excitation light scanning interval is 5 mm. However, the experiments surpass the
simulation in estimation accuracy as the scanning interval is reduced. In depth estimation,
the estimation error relative to the embedded depth remained within £30%. By comparing
the results of simulations and the experiment, the range of tissue attenuation coefficients
for which depth estimation can be accurately evaluated was determined. Overall, the
proposed method would be most suitable for applications involving shallow tumors or
intraoperative lesions accessible from the body surface.
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