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Abstract

Currently, diagnostic medicine uses a

multitude of tools ranging from ionising

radiation to histology analysis. With

advances in piezoelectric crystal technol-

ogy, high-frequency ultrasound imaging

has developed to achieve comparatively

high resolution without the drawbacks of

ionising radiation. This research proposes

a low-cost, non-invasive and real-time

protocol for informing photo-therapy procedures using ultrasound imaging.

We combine currently available ultrasound procedures with Monte Carlo

methods for assessing light transport and photo-energy deposition in the tis-

sue. The measurements from high-resolution ultrasound scans are used as

input for optical simulations. Consequently, this provides a pipeline that will

inform medical practitioners for better therapy strategy planning. While vali-

dating known inferences of light transport through biological tissue, our

results highlight the range of information such as temporal monitoring and

energy deposition at varying depths. This process also retains the flexibility of

testing various wavelengths for individual-specific geometries and anatomy.
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1 | INTRODUCTION

Amongst the many radiology tools for diagnostics, ultra-
sound imaging has evolved into an indispensable
modality due to its real-time results and non-ionising

nature. It is and continues to be a key addition to diag-
nostic medicine in vivo. In this research, we provide a
strategy for individual-specific diagnostics to plan more
effective photo-dynamic therapy protocols. To this end,
individual analysis of tissue geometries is necessary. We
use high-frequency ultrasound imaging (HFUS) for
assessing the depth and thickness of the layers of the
skin for building optical models. We utilise proprietary

Abbreviations: HFUS, high frequency ultrasound; MC, Monte Carlo;
PDT, photo-dynamic therapy.
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and open-source Monte Carlo (MC) platforms to achieve
the optical modelling of light propagation in these
models. As a result, we propose a relatively inexpensive
and rapid assessment technique to plan photo-therapy
and photo-modulation strategies and assess the impact
of using light therapy. This method can be added as a
step before treatment to improve the effectiveness of
optical therapies for treating conditions such as skin
cancer, for instance. We envisage that this research will
translate to using ultrasound imaging to construct 3D
models of the anatomy, assign suitable optical proper-
ties and simulate the treatment strategies in a point-of-
care approach.

Models have previously been used to understand the
laser-induced injury to skin [1]. Such studies provide an
understanding of light-induced damage yet use approxi-
mated/assumed dimensions for the tissue layers. Addi-
tionally, optical properties may not be individual- or site-
specific. Most optical therapy applications require the
quantification of optical properties [2]. It has also been
found that the post-PDT recurrence rate of basal cell car-
cinoma is higher in comparison to surgical excision [3].
This is clearly due to remnant cancerous cells in the skin
that proliferate after the procedure. Our study provides a
solution to all the above challenges with accurate ana-
tomical dimensions, individual-specific optical properties
and the ability to accurately judge the impact of the ther-
apy before treatment.

2 | BACKGROUND

Years of medical research and innovation has resulted in
the progression of ultrasound imaging to achieve better
resolution and enhanced point-of-care capabilities [4]. In
the last two decades, significant advances in piezoelectric
crystals, probes and computational capabilities have
enhanced ultrasound imaging with higher frequency sys-
tems and high-resolution imaging [4, 5]. This has allowed
improved assessment of superficial body tissues, such as
the skin. Generally, probes operating at frequencies
greater than 15 MHz for dermatological studies [6–8]
(>13.5 MHz in some cases [5]) are considered to perform
high-frequency ultrasound imaging (HFUS). Modern
HFUS systems can provide sufficient resolution for a
detailed assessment with recognition of individual skin
layers and subcutaneous structures. The depth penetra-
tion is inversely proportional to the ultrasound probe fre-
quency. A 7.5 MHz probe can assess subcutaneous
tissues and lymph nodes to a depth of approximately
4 cm while probes above 50 MHz would only typically
allow assessment of the epidermis, without the penetra-
tion to assess deeper skin layers.

The second key element of this research is modelling
light transport in biological tissue. Clinical experiments
can be challenging because of costs, trials and ethics reg-
ulations. The applicability of methods and medications to
people is the final frontier for a medical breakthrough.
When using optical technologies, this is not very differ-
ent. May this be remission-inducing laser exposures for
destroying cancerous cells or dermatological cancer treat-
ments, initial testing is not directly done on humans. This
has ushered in the gold standard of light transport model-
ling, Monte Carlo (MC) simulations. Guided by probabil-
ity and the knowledge of the optical properties of tissues,
possible or likely outcomes are generated. This, done
repeatedly, provides a realistic understanding of the
problem.

The MC technique is a robust method for simulating
the interactions between light and tissue. The interaction
of photons at each instance in the tissue is statistically
sampled to track the variations to the optical flux and
accounts for absorption, reflection, refraction and scatter-
ing events. Each photon is tracked until either its termi-
nation (due to absorption) or it exits the boundary limits
of the model. After performing this simulation many
times over, the overall distribution of all the paths yields
a dependable approximation of reality. Before the
popularisation of MC methods through Monte Carlo for
multi-layered tissues (MCML) [9], models of absorption
and distribution of energy in tissues were presented by
Wilson and Adam [10]. However, MCML found general
acceptance and applicability in simulating photon propa-
gation. The scattering and absorption in biological tissues
were widely researched [11–14]. MC methods were also
used to determine the optical properties of tissues and
chromophores [15–20], investigating light interaction
with blood vessels, simulation of pulse oximetry and
heart rate detection [21–23], cancer detection [24, 25]
and modelling current and novel methods such as photo-
acoustic imaging [26]. MC methods have been further
developed with the implementation of GPU-based com-
putations and modified for fast perturbation in turbid
media [27, 28]. These are only a few of the many exam-
ples in biomedical optics where MC simulations are
today a standard for comparison with experimental work.

3 | METHODS

This article combines ultrasound imaging data, individ-
ual-specific optical properties and MC simulation-based
assessment of the models to present a methodology for
informing therapeutic strategies. Naturally, they form the
main parts of the methodology. The MC simulations
require geometry of the tissues and optical properties.
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The geometry is acquired using ultrasound imaging while
the optical properties are decided using models and prop-
erties obtained from an extensive review of published lit-
erature. It is also important to state at this stage that
optical properties that are specific to individuals can be
included in this modality when combined with
established spectroscopic techniques [29].

3.1 | Ultrasound imaging

All participants were scanned with a Samsung RS80A
ultrasound system at the Great Western Hospital
(Swindon, UK) by a single radiologist with over 10 years
of experience. The ultrasound system includes a high-
frequency 18 MHz linear transducer (probe), a visualisation
and processing system, combined with network storage.
The Samsung LA4-18B transducer, capable of 4–18 MHz
frequency of operation, is compatible with the RS80A sys-
tem is used for data collection. This wideband, linear
array transducer has enhanced near-field resolution in
addition to far-field penetration, and is ideal for small
parts applications such as musculoskeletal, vasculature
and dermal application.

Using the collected ultrasound data, we reliably mea-
sure the thickness of the tissue layers for each participant.
For each participant, the middle phalanx of the left index
finger was imaged. The palmar and dorsal sides of the

finger were imaged with longitudinal (along the direction
of the finger, Figure 1) and transverse (perpendicular to
the finger, Figure 2) orientations. In the images, we can
identify and measure the thin echogenic epidermis, the
more hypoechoic dermis, the flexor tendon and a thin con-
nective tissue layer. We tabulated the geometry for each
participant in Table 1. The medial and lateral digital ves-
sels were also identified where possible and the perpendic-
ular distance from the skin surface to the centre of the
vessel was measured. These measures were used to inte-
grate the vasculature distribution in the optical model, as
illustrated in Figure 5.

3.2 | Optical properties

As mentioned previously, the optical properties and their
adaptation from literature is a key step. The optical prop-
erties required for both palmar and dorsal tissue (to the
phalanx bone) for this study include the epidermis, der-
mis, tendons, connective tissue and bone. The epidermis
and dermis layer properties are considered from previ-
ously published literature [16, 30–35]. The step of decid-
ing the optical properties from literature is a key part of
the methodology as previously, a 10–100 fold difference
in optical properties have been reported [36]. The mea-
surement methods, sample preparation and multiple
other factors affect this quantification of optical

FIGURE 1 Longitudinal

orientation of the probe allowed

imaging along the length of the

finger, quantifying the

anatomical entities. The layers

are measured are epidermis

(denoted as E, with D1 being the

measurement), dermis (D, D2),

tendon (T, D3), connective tissue

(C, D4) and the bone (B). Both

the palmar and dorsal sides of

the finger are measured to

complete the finger structure
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FIGURE 2 Transverse

orientation of the probe allowed

us to image both the thickness

of the entities and the

distribution of vasculature. The

layers are measured are

epidermis (denoted as E, with

D1 being the measurement),

dermis (D, D2), tendon (T, D3),

connective tissue (C, D4) and

the bone (B). The blood vessels

(V) are measured

correspondingly with depth

measurements. The palmar and

dorsal side of the finger were

imaged to measure the complete

the finger structure

TABLE 1 The thickness and depth measurements of the layers in the finger are used to construct the geometry of the optical models,

with the inclusion of vasculature in the TracePro models

Participant

Palmar Dorsal

Bone

Fitzpatrick
scale
(skin type)

Epidermis Dermis
Flexor
profundus

Connective
tissue Epidermis Dermis

Extensor
tendon

depi dder dten dconn depi dder dten

USP001 0.4 2.2 2.0 1.3 0.4 1.5 0.6 5 I

USP002 0.4 3.8 1.9 0.9 0.3 1.8 0.5 6.5 VI

USP003 0.4 4.1 2.1 0.4 0.3 2.0 0.4 7.3 V

USP004 0.4 3.6 1.9 1.7 0.3 2.1 0.4 7.6 IV

USP005 0.3 3.9 1.7 1.9 0.2 2.8 0.5 7 II

USP006 0.4 3.1 1.8 1.7 0.2 2.1 0.4 7.4 II

USP007 0.4 3.5 2.2 1.4 0.2 2.3 0.4 7.3 IV

USP008 0.4 2.8 1.7 1.2 0.2 1.8 0.5 4.4 IV

USP009 0.5 3.5 2.3 0.6 0.2 1.7 0.4 4.6 I

USP010 0.5 3.6 1.9 1.7 0.3 2 0.6 4.1 V

USP011 0.4 6.3 1.8 1.0 0.3 2.4 0.5 4.3 VI

USP012 0.4 3.3 2.4 0.6 0.3 2.1 0.4 5.4 V

Note: The vessels are not included in the semi-infinite slab models used in MCCL.
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properties, and therefore, the literature was reviewed criti-
cally before establishing the optical properties for each
model. The subsequently presented models (Equations 1–4)

from the literature were used to calculate the optical prop-
erties (Figure 3). The μa:epi values for the epidermis are cal-
culated by grouping the categories of the Fitzpatrick

FIGURE 3 The absorption properties of the epidermis (A) accommodate the varied distribution of melanin. The six skin types are

modelled as three sub-groups, with associated f melanin volume fractions. The dermis considers water, oxygenated and deoxygenated

haemoglobin in the perfused blood to quantify the absorption (C). Scattering is primarily due to the keratin and collagen fibres in the

respective layers (B, D)

FIGURE 4 The absorption and scattering coefficients for the tendon and bone in the finger show the influence of the tissue

constituents. The studies measure the reduced scattering coefficient in a relatively simpler method and the anisotropy factor is used to

further calculate the scattering coefficient
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scale. Skin types I, II are combined and assigned a f melanin

volume fraction of 0.038; type III, IV are set at
f melanin ¼ 0:135; and V, VI are set at f melanin ¼ 0:305.

μa:skin ¼ 7:84�107�λ�3:255 λ :nm½ �, ð1Þ

μa:melanin ¼ 6:6�1010�λ�3:3 λ :nm½ �, ð2Þ

μa:epi ¼ f melaninð Þ μa:melaninð Þþ 1� f melaninð Þ μa:skinð Þ: ð3Þ

The dermal properties are calculated inclusive of
blood perfusion with oxygen saturation Sð Þ set at 0.6,
blood concentration volume fraction (Cblood) at 0.04 and
water fraction (CH2O) set at 0.6 [33]. The factor, γ is calcu-
lated as Ht�FRBC�FHb, where Ht ¼ 0:45ð Þ is the
haematocrit, FRBC ¼ 0:99ð Þ is the volume fraction of the
erythrocytes in the total volume of blood cells and
FHb ¼ 0:25ð Þ is the volume fraction of haemoglobin in an
erythrocyte. The factor γ is used in Equation (4). The
optical properties at the wavelengths simulated in the
study are detailed in Table 3.

μa:der ¼ 1�Sð Þ γCblood μa:Hb λð ÞþS γCblood μa:HbO2 λð Þ
þ 1� γCbloodð Þ CH2O μa:H2O λð Þ
þ 1� γCbloodð Þ 1�CH2Oð Þμa:skin:

ð4Þ

Tendons in the human body are composed of fibrous
muscle tissue and connect the muscles to the bone. The
muscles themselves share properties similar to tendons.
Alexandrakis et al [37] studied the muscle as a part
of addressing the need for a system combining tomo-
graphic bioluminescence imaging with optical-PET. The
improved models were adopted and optical properties
were calculated. In Equation (5), α¼ 0:07 and β¼ 0:5 rep-
resent heuristic scaling factors for blood and water con-
centration in the tissue. The ratio of oxygenated to total
haemoglobin x¼ HbO2ð Þ= HbO2þHbð Þð Þ is also consid-
ered constant at 0.8 [37]. The values of a and b in

Equation (6) that characterise the scattering in the ten-
don tissue are adopted as 4:e7 and 2.82 from Kienle et al
[38]. Additionally, the anisotropy factor is also
ascertained as g¼ 0:9. The refractive index is adopted as
η¼ 1:37 [35]

μa:ten λð Þ¼ α x μa:HbO2 λð Þþ 1�xð Þ μa:Hb λð Þð Þ
þβ μa:H2O λð Þ, ð5Þ

μ0s:ten λð Þ¼ a� λ�b: ð6Þ

Using the above models, the absorption and scatter-
ing coefficients of the tendon were calculated (Figure 4A,
B). The absorption coefficient shows the contributions of
haemoglobin (peak between 500 and 600 nm) and water
absorption (in the near-infrared region). The optical
properties at relevant wavelengths for this study are given
in Table 3.

The absorption and reduced scattering coefficients of
the bone were measured using time-resolved diffuse
optical spectroscopy (TRS) [39] and adopted for this
study. Anisotropy measurements are adopted as g¼ 0:9
from a different study, accounting for tissue thickness
and measuring the reflectance and transmission [40].
The refractive index (η¼ 1:55) is adopted from in vivo
studies [39, 41]. The absorption and scattering coeffi-
cients used in the study are given in Figure 4C,D and
the values used in this study for the relevant wave-
lengths are summarised in Table 3. The choice of wave-
lengths in the red and near-infrared region was due to
the greater depth penetration in comparison to shorter
wavelengths.

The scattering properties of the connective tissue in
the palmar side of the finger was assigned the scattering
properties of the tendon (striated muscle) due to the ana-
tomical similarity between muscles and connective tis-
sues [38]. The absorption properties were, however,
adopted from literature where the contribution of fatty
tissue is considered [35]. Although no fat layers were

TABLE 2 The optical properties (μa, μs, g, η, μ
0
s) for the blood vessels quantify the contributions of the vessel, haemoglobin and oxygen

saturation [35]

Blood vessel Spectral range μa (mm�1) μs (mm�1) g η μ0s (mm�1)

Artery Red 0.13 124.6 0.9 1.38 6.11

NIR 0.28 50.5 3.84

Vein Red 1.43 366 1.4 8.9

NIR 1.55 282 7.9

Note: The properties are specified in the respective spectrum regions as the exact properties for the wavelengths used in this study are unavailable. These
properties are used in the TracePro simulation but not incorporated in the semi-infinite slab models used in MCCL (VTS).
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distinctly identified by the ultrasound system within the
scope of this study, its contribution is included by consid-
ering the relevant optical properties.

The optical properties of oxygenated and deoxygen-
ated haemoglobin are adopted for the blood flowing
through the arteries and veins directly from table 2.1,
Tuchin [35]. These optical properties include contribu-
tions from the plasma and the blood in the blood vessels.
The sources for optical properties specific to arteries and
veins are sparse, although a lot is understood and publi-
shed regarding haemoglobin itself [42–44]. The adopted
values for the blood vessels are given in Table 2. The MC
methods for analysing these models based on ultrasound
images are applied in TracePro [45] and MCCL. In
MCCL, all four wavelengths mentioned in Table 3 are
simulated. Due to the significantly longer computational

time in TracePro, only red and near-infrared wavelength
was simulated. The complete set of results are available
through the CORD repository [46].

3.3 | Monte Carlo methods

Optical models require geometrical and optical properties
to simulate the interaction with photons. The measure-
ments from the ultrasound image data (Table 1) are used
to construct the geometry of the optical models, with
some assumptions/approximations based on the simula-
tion environment. Geometrical shapes can be constructed
in 3D in the TracePro simulation environment. There-
fore, the thickness and depths of the layers were adapted
and the middle phalanx region of the finger was

TABLE 3 The optical properties

(μa, μs, g, η, μ
0
s) specific to this research

are presented

Tissue λ μa (mm�1) μs (mm�1) g η μ0s (mm�1)

Epidermis
(I, II)
f melanin ¼ 0:038

650 1.09 29.27 0.82 1.34 5.27

750 0.7 19.84 3.57

830 0.5 17.93 3.23

975 0.3 12.39 2.23

Epidermis
(III, IV)
f melanin ¼ 0:135

650 3.8 29.27 0.82 1.34 5.27

750 2.41 19.84 3.57

830 1.72 17.93 3.23

975 1.01 12.39 2.23

Epidermis
(V, VI)
f melanin ¼ 0:305

650 8.55 29.27 0.82 1.34 5.27

750 5.42 19.84 3.57

830 3.85 17.93 3.23

975 2.26 12.39 2.23

Dermis 650 0.05 26.54 0.9 1.4 2.65

750 0.03 20.93 2.09

830 0.03 17.77 1.78

975 0.05 15.21 1.52

Tendon 650 0.12 4.67 0.9 1.37 0.47

750 0.11 3.06 0.31

830 0.14 2.35 0.24

975 1.09 1.47 0.15

Bone 650 0.015 6.75 0.91 1.55 0.61

750 0.011 5.76 0.52

830 0.012 5.89 0.53

975 0.03 5.07 0.46

Connective tissue 650 0.36 4.67 0.91 1.455 0.42

750 0.36 3.06 0.28

830 0.15 2.35 0.21

975 0.01 1.47 0.13

Note: These properties are applicable for MC methods in TracePro and MCCL (VTS). The properties of the
vasculature are given in Table 2.
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approximated to a cylinder (Figure 5). Additionally, the
presence of blood vessels can be accommodated in
TracePro, with the relevant optical properties. In MCCL,
due to geometric restrictions, the layers of the finger are
defined as semi-infinite slabs. These slabs are placed
sequentially from the epidermis in the dorsal side of the
finger to the palmar side (ie, epidermis, dermis, extensor
tendon, bone, connective tissue, flexor profundus, dermis
and epidermis).

While TracePro monitors and saves every path a ray
takes within and beyond the boundaries of the tissue model,
MCCL requires designated ‘detectors’ that measure individ-
ual parameters related to quantifying photon interactions.
The MCCL detectors measure the absorbed photons
(AOfRhoAndZ) in the tissue volume as a function of cylindri-
cal coordinates, ρ (radius from the point of incidence) and
depth, z. The fluence is measured and shows the propa-
gation of photons function of ρ and z. When integrated
over time intervals, the FluenceOfRhoAndZAndTime
detector is used, while FluenceOfRhoAndZ measures the
fluence across the entire duration of the photon trans-
port. Finally, the reflected energy (ROfRho) and trans-
mitted energy (TOfRho) are measured as a function of ρ
on the bottom surface of the model. The workflow and
details of using MCCl are given online (https://github.
com/VirtualPhotonics/VTS/wiki/Virtual-Tissue-
Simulator) and not repeated here for brevity.

4 | RESULTS AND DISCUSSION

The methodology presented in this research images and
obtains individual-specific anatomy for unique and

accurate modelling of light transport in the tissue. The
application of this method is site-independent as model-
ling of reflected and transmitted photons is possible.
Therefore, may it be at the finger or the abdomen where
the light cannot transmit through the tissue bulk, this
methodology is relevant and applicable.

The amount of optical energy deposited at different
depths can be inferred from Figure 6A. The propaga-
tion of photons (Figure 6B) illustrates the fluence inte-
grated over time through the optical model. This
optical model allows deciphering cancerous or anoma-
lous tissue, and the amount of energy deposited at the
site. This information can be used to decide on the
power and wavelength of the therapeutic laser. Fewer
photons propagate through the bulk of the entire tis-
sue. Further, the fluence of the photons can be pres-
ented as a function of time (Figure 7), illustrating
photon propagation at each time interval. This infer-
ence will allow evidence-based decision making with
flexibility of deciding the wavelength, power of the
laser and the duration of exposure in optical therapy.
Within the context of this study, the skin-safe laser
power and wavelengths do not require an in-simula-
tion threshold to assess the damage to the tissue. How-
ever, this is easily included in the data analysis to
highlight potential damage to tissue at sites with
healthy tissue. This is beneficial in applications such as
photo-dynamic therapy and photo-modulation.

Considering the case of using photons at 650 nm
wavelength, four distinct groupings emerge for reflec-
tance data. USP005, USP006 and USP009 have a higher
degree of reflectance; USP001, USP007 and USP008 in
the second group; USP004 distinctly reflects lower optical

FIGURE 5 The section view (A) of the optical model constructed from the ultrasound image data shows the placement of the

anatomical entities and the distribution of the detectors. The detectors are placed at 60� intervals and at 1.5, 3, 4.5, and 6 mm radii from the

centre. The rays are incident on the dorsal side of the finger, propagating in the �Z direction. The perspective view (B) shows the layers,

with a length of 20 mm. The section ‘ends’ of the finger absorb all incident light to disregard the rays that would propagate away from the

tissue through these faces
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energy and the remaining can be categorised with the
lowest photons reflected. The greater transmission due to
lower melanin concentration in the epidermis is clearly
seen as USP001, USP005, USP006 and USP009 (Skin
types I, II; Table 1). Further, amongst these, USP001 ana-
tomically has a thicker dermis layer which results in
higher absorption. Participant USP011 has the thickest of
optical models and the highest degree of melanin concen-
tration in the epidermis layer resulting in the lowest
degree of transmission. The thinner of models (USP001,
USP009) with skin type I results in a higher degree of
transmission. Photons at longer wavelengths travel fur-
ther into biological tissue due to lesser attenuation. This
general observation has been validated in previous litera-
ture [47, 48]. This is due to reduced attenuation due to
melanin, resulting in a greater degree of penetration into
the biological tissue. An individual assessment of reflec-
tance and transmittance for each participant model at all
wavelengths allows the understanding of energy trans-
port through the tissues. Fluence and absorption results
are shared in the CORD repository [46].

The reflection and transmission at the surfaces of the
model are also quantified with dedicated detectors. The
combination of all the participants' results at two wave-
lengths (red, near-infrared) as a function of increasing
distance from the normal axis, that is, the source position
(Figure 8). For instance, the photons travel further in the
tissue when illuminated longer wavelengths although
absorption is higher for skin type III, IV due to higher
melanin distribution. Realistically, the amount of energy
detectable with increasing source-detector separation
reduces exponentially (within the scope of this study).
The most important information, in this instance, is usu-
ally within 1 to 2 mm from the source. When comparing

the participants' model at specific wavelengths, trends of
absorption and overall reflectance emerge. These trends
depend on a combination of thickness of the layers, opti-
cal properties of the tissue and the interaction of the pho-
tons at each instance. Alternatively, individual-specific
measurements at all wavelengths were compared and
can be found in the online repository [46].

To summarise the MCCL results, the highest reflec-
tance was observed with photons at 975 nm wavelength.
Reflectance typically involves photons that have inter-
acted with the first two or three layers before being
scattered back in the direction of the detector (which is
in the same plane as the source). Measuring reflectance
from any of the full anatomy models can be best achieved
close to the sensor. In all the results, measurable and sub-
stantial reflectance is seen when ρ≤ 1 mm. The reflec-
tance trend across all wavelengths changes drastically
when the influence of melanin in the layers is consid-
ered. The difference in the amount of reflectance when
comparing the wavelengths is directly proportional to the
amount of melanin in the epidermis. For example, the
difference between 650 and 975 nm reflectance is lesser
for USP001 in comparison to USP012. The absorption of
photons at 975 nm due to water in the tissue causes the
rapid decrease in reflectance results at ρ≥ 4 mm for skin
types IV to VI. For lower melanin volume fractions in
skin types I and II, this decrease is less prominent as
attenuation due to melanin is comparatively low. The
transmittance of 675 nm photons through the tissue
layers is the lowest amongst all wavelengths for all
models. The absorption due to melanin at any volume
fraction concentration is dominant, in addition to absorp-
tion due to haemoglobin, blood and water. Collagen
fibres mainly scatter the light isotropically at the depths

FIGURE 6 The absorption (A) and fluence (B) in the tissue volume is seen for USP005 when using an 830 nm source. The absorption at

each step within the layers clearly delineates the layers in the model, with the overall photon propagation illustrated with the fluence

integrated over time
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FIGURE 7 The fluence of the photons at 830 nm wavelength in the tissue volume (mW/mm�3) as a function of cylindrical coordinates

(ρ: mm) and depth (z) is illustrated at different instances after emission from the sources for the optical model for participant USP005

(Table 1)
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at which muscles are present, with water being the pri-
mary absorber in the bone and muscle tissues. This con-
clusion is supported by the research investigating the
various factors of attenuation in the tissues considered in
this study [37–41, 43].

Using MCCL, the results of this methodology showed
that the reflectance and transmission through a tissue
model and the transport of energy in the tissue volume

can be analysed. The primary factors influencing this are
the distribution of chromophores and the thickness of
the layers. These are the most important requirements
when developing a strategy for photo-dynamic therapy.
Using ultrasound imaging data, we further wanted to
explore the distribution of light within tissue volume
with the effective construction of models true to the
geometry of the finger. For this, TracePro was chosen; a

FIGURE 8 The combination of all reflectance and transmission measurements using MCCL for all participants is presented. Clearly,

there is a relationship between the skin type and the wavelengths when comparing these results. When considering the skin type and the

wavelength, skin types I, II and near-infrared wavelength show the lowest degrees of absorption in the tissue bulk. Refer to [46] for complete

set of results including simulations when using 750 and 830 nm wavelengths
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proprietary package with an improved graphical user
interface and the ability to add 3D geometries. Further,
we can incorporate the blood vessels in the optical mode
by using the depth measurements from the ultrasound
data. Therefore, when using wavelengths that can pene-
trate the skin layers, an understanding of the distribution
of energy within the tissue volume is valuable. To

illustrate the results from TracePro, radar maps are con-
structed from the measurements of the radially distrib-
uted detectors (Figure 5A). The wavelengths used to
replicate the laboratory lasers and emit collimated beams
at 674 and 980 nm. The results at different depths and
orientations from positions correspond to the detectors
seen in the cross-section of the model. The absence of a

FIGURE 9 The radar plots from the TracePro simulations illustrate the power detected at different depths for both wavelengths for

participants USP001 and USP002. The plots illustrate power measured deeper in the tissue when using near-infrared wavelengths as opposed

to red in this instance. The plots also illustrate the influence of different melanin concentrations in the epidermis layer, influenced by a

greater degree of absorption. The orientation of the plots is analogous to Figure 3A. Refer to our open-access dataset and results repository

[46] for complete set of results including simulations when using 750 and 830 nm wavelengths
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marker in the plot signifies that no energy was detected
at that position.

The approach to using radar plots (Figure 9) from the
detectors in TracePro provides an interesting insight into
the propagation and absorption of photons of different
wavelengths. Absence of markers in the plot and/or bias
of direction shows, in this case, the propagation prefer-
ence of photons. This is a direct result of geometry and
the concentration of chromophores in each layer. Infer-
ences such as thinner tissue layers and/or reduced con-
centration of chromophores will result is deeper
penetration of light can be made. Such plots, for diagnos-
ticians, can provide information of the depth of penetra-
tion of light in the deeper layers beyond the target cells
(ie, tumours and other anomalies). Such plots can also be
assigned damage thresholds to inform secondary consid-
erations of light treatments.

At this stage, it is important to share a few clarifica-
tions and insights. First, while the tissue modelling has
been done using fixed geometries (semi-infinite slabs and
cylinders), in vivo tissue is far more irregular. However,
this methodology holds true when enhancing the detail
in the datasets acquired. In this study, we considering
measurements of thickness at a single point on the finger.
Most scanning systems can now create 3D reconstruc-
tions through tomography. With such abilities, 3D
models can be created that would further enhance the
outputs. Second, considerations have to be made when
considering the dynamic nature of the tissue, with blood
flow being a major consideration. This flow results in
dynamic changes in the anatomical distribution. While
simulations can model static states of venous and arterial
blood flow, dynamic Monte Carlo methods can resolve
and model photon interaction temporally. These steps
are not trivial and will be the focus of our future work.
Finally, in addition to these considerations, our future
efforts will also be directed towards clinical studies and
using this methodology to inform therapeutic strategies.

5 | CONCLUSIONS

Using relatively inexpensive and non-invasive ultra-
sound imaging improves the specific to each indi-
vidual, thereby improving the chances of successfully
destroying the tumour cells. In principle, this appro-
ach can leverage the quantitative measurements from
simple-to-use ultrasound imaging using lower fre-
quency transducers to model deeper tissue layers.
One such application could be modelling optical
approaches applied in fetal stages. The novelty of this
methodology is that it eliminates the assumptions of

the tissue layer geometries and allows individual-spe-
cific modelling of possible treatment strategies.

HFUS can conclusively resolve and provide adequate
information regarding the definition of tissues and their
dimensions for individual-specific analysis. Ultrasound
imaging is non-invasive, simple to use and can accurately
detect the geometry of the cancerous growth (with the
right frequency probe). Monte Carlo simulations have
shown immense utility in biophotonics to emerge as a
standard procedure, accurate in modelling the propaga-
tion of light and the deposition of energy in the tissue.
The cost and advantage of having this information far
outweighs any difficulty in integrating this step into cur-
rent protocols during initial consultation and diagnostic
investigations alongside histology and biopsy. The meth-
odology reduces the ambiguity associated with the trial
and error nature of PDT and photo-modulation treat-
ments that are currently used for squamous cell carci-
noma, basal cell carcinoma and other types of skin
cancers. These procedures cost up to 10 000 USD [49] if
repeated multiple times, and herein lies the value of
reducing the treatment by accurately pinpointing the
geometry of the cancer and modelling its response to
treatment. This method can provide conclusive evidence
of the dimensions of the superficial tumour using a non-
invasive and instantaneous method. This is important in
itself as treating these cancers early improves the chances
of survival than after they metastasise to other locations
in the body.
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