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ABSTRACT
In order to better understand light dosimetry issues for photodynamic therapy (PDT), we have used various tumor and
normal tissue geometries to develop a diffusion model of light transport in tissues. We hypothesize that tumor tissues with
curved surfaces will have significantly different internal fluence distributions, as compared to tissues with flat surfaces.
Using a mouse subcutaneous tumor and rear limb muscle model we compared the internal fluence values within the tissue.
In addition, numerical simulations for these corresponding tissue geometries and laser light incidence angles were made.
Assuming that the relative photon fluence in the tissue can be accurately modeled by the diffusion equation, we used a
finite element approach to approximate the distribution inside the tissue. Meshes with different geometries (flat and
curved with different curvatures) were used in this study to mimic the tumor and leg geometries of the murine tumors
treated in the lab. Results suggest that tissues surface geometries and incidence angle of light can significantly alter the
photon fluence inside the tissue. The photon fluence difference for an 8 mm diameter, curved surface mouse tumor vs. flat
muscle tissue can be as high as 20%. In general, the greater the tissues curvature, the greater the potential loss in light
fluence is. In summary, our data demonstrates the importance of tissue surface geometry and the incidence angle of light in
determining optimal PDT light dosimetry, and indicates that comparisons between tissue geometries must be carried out
with attention to differences in the internal optical distribution.

1. INTRODUCTION
The use of optical radiation in medical physics is important in several fields, such as tissue ablation and coagulation,
photodynamic therapy (PDT), optical imaging and near infrared spectroscopy (NIRS). [1] In this study, we will restrict our
discussion to PDT, which is being investigated for a possible treatment for tumors, and is currently used clinically for
esophageal and lung tumors, as well as non-cancer applications such as age-related macular degeneration. PDT is a
phototherapy, a term which includes all treatments that use light to induce reactions in the body which are of benefit to
patient. For our purposes, PDT treatment is done with a drug called a photosensitizer, which is being studied in preclinical
animal models of tumors. The photosensitizer is injected into mice bearing tumors, and studies are underway to optimize
the delivery of the treatment to the tumor tissue. The photosensitizer alone is thought to be harmless at typical therapeutic
doses, indicating it has no effect on either healthy or abnormal tissue. However, when laser is directed onto tissue
containing the photosensitizer, the photosensitizer becomes activated and the tissue is rapidly destroyed, but only precisely
where the light has been directed. Thus, by careful application of the light beam, the technique can be targeted selectively
to the abnormal tissue.
In PDT, several properties of the tissue, including oxygen concentration, photosensitizer concentration and light dose
determine efficacy. In this study we concentrated on determining factors that influence the exact number of photons
delivered into tumor and normal tissues. We hypothesize that tissue curvature has a significant effect on PDT treatment
efficacy, such that it is difficult to directly compare the treatment efficacy in curved versus flat tissue geometries, because
the amount of light penetrating the surface of the tissue is changed due to reflections and also due to remission out of the
tissue.
Since the lasing dose is an important parameter to evaluate the potential for PDT treatment, it’s necessary for us to
study light fluence at depth in a number of tissue geometries, including, tissues without tumor (flat muscle tissue
geometry) , tissues with tumor (curved tumor geometry tissue) using the same laser output for all treatments. Here, we
develop a numerical diffusion model to simulate several samples with different geometries. Assuming that the photon
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transport in the tissue is matched qualitativey to the diffusion equation, we used a finite element solution to approximate
the photon fluence inside the tissue. Several meshes with different geometries (flatter, curved with different curvatures)
were built. We systematically studied the effects of tissue geometry and angle of incidence on the tumor surface.
Experimental studies in tumor tissue were carried out to examine the match to diffusion theory prediction. The
implications for these studies for assessment of tumor damage assays compared to normal tissue damage assays are
discussed. The results of our simulation and experimental (in vivo) findings were compared and discussed.

2. METHODS
2.1 Diffusion equation
[2,3]
Photon transport in tissue maybe modeled in one of two basic ways: an essentially discrete model of individual photon
interactions, such as Monte Carlo, or a continuous model based on a differential equation approximation, such as the
diffusion equation.[4] Under the assumption that scattering dominates absorption in a region of interest, the Boltzman
transport equation can be simplified to the diffusion approximation which in the steady state domain is given by:
−∇⋅κ ( r )∇Φ( r ) + µ a Φ (r ) = q0 ( r )
(1)
where

q0 (r ) is an isotropic source, Φ ( r ) is the photon fluence at position r, and

κ=

is the diffusion

1
3 ( µa + µ s )
'

coefficient. Here the transport scattering coefficient is given by µ s = µ s (1 − g ) , where g is the mean cosine of the single
'

scatter function (the anisotropy factor) and

µ s is the scattering coefficient, defining the probability per unit pathlength of

a scattering event taking place.
2.2 Finite element method
[5-8]
The finite element method is so widely used for the solution of partial differential equations in complex geometries that
here we do not discuss it. The assumption in the FEM approach is that Φ is approximated by the piecewise polynomial
function

Φ h ( r ) = ∑i Φ i u i ( r ) ∈ Ω h
d

This function,

(2)

u i is also known as the interpolation function, shape function or basis function. The aim is to choose a

shape function, such that we minimize the error between the actual field

Φ and the calculated field Φ h .

2.3 Fresnel equations
Considering the optical reflection that could occur as light getting through the skin, we use the Fresnel equations to derive
a better approximation of the light source beneath the skin instead of the laser output. We should determine the reflection
and refraction of a mononchromatic plane wave of arbitrary polarization incident at a planar boundary (for curved
geometry, we also consider the local geometry as a planar boundary ) between two dielectric media. The media are
assumed to be linear, homogeneous, isotropic, nondispersive, and nonmagnetic; the refractive indices are n 1 and n2 . The
incident, refracted, and reflected waves are labeled with the subscripts 1, 2, 3, respectively.
As we know, the wavefronts of these waves are matched at the boundary if the angles of reflection and incidence are equal,
θ 3 = θ 1 , and the angles of the refraction and incidence satisfy Snell’s law,

n1θ 1 = n2θ 2
(3)
And we have the following expressions for the reflection of TE and TM polarizations seperately, known as the Fresnel
equations:
n1 cosθ 1 − n2 cosθ 2
n1 cosθ 1 + n2 cos θ 2
n cos θ 1 − n1 cos θ 2
ry = 2
n2 cos θ 1 + n1 cos θ 2

rx =

From the Fresnel equations, we can easily derive the reflction coefficient R:

TE Polarization

TM Polarization

(4)

(5)

R = rx + ry
2

2

(6)

and the source beneath the skin will be modified to:

S = S 0 (1 − R)

(7)

here, S 0 is the original output from the laser. And S is the light fluence after the light has passed through the skin.

(a) Normal muscle tissue mesh

(b) Tumor tissue mesh, geometry type I

(c) Tumor tissue mesh, geometry type II

(d) Tumor tissue mesh, geometry type III
Figure 1: The simulation meshes with different geometry types. (a) The normal
flat muscle tissue mesh with 1435 nodes and 2736 elements; (b) the tumor
geometry type I mesh with 1501 nodes and 2848 elements (circle center (0,0),
radius 4mm); (c) the tumor geometry type II mesh with 1477 nodes and 2816
elements (circle center (0, -1.167), radius 4.167mm); (d) the tumor type III mesh
with 1445 nodes and 2752 elements (circle center (0,-3), radius 5mm).

2.4 Simulations
Four types of slab meshes with the width of 30mm and height of 15mm were created to do this numerical experiment. As
shown in Figure 1 (a-d), one mesh is for flat muscle tissue without tumor, the others are normal tissue with curved
geometry tumors, but the tumors have different radius of 4mm, 4.167mm and 5mm, and the widths of the tumor above the
slab are all 8mm. The laser source is centered and has a diameter of 8mm to cover the part of the tumor above the slab, and
the laser output is normalized to 1. The optic properties for the normal tissue, tumor tissue and skin are listed in Table -1.
We simulate two types of experiments to assess the different photons transport under the condition of different geometries
and different laser incidence angles (0º–30º).

Wavelength
n (air)
n (muscle tissue)
n (tumor tissue)
n (skin)
μa (muscle tissue)
μs ' (muscle tissue)
μa (tumor tissue)
μs ' (tumor tissue)

670nm
1
1.33
1.33
1.45
0.01
1.0
0.017
1.04

Table 1: Optical properties used in the simulations. Here, n is the refractive index
of different media. µ
a is the absorption coefficient, and µ
s ' is the transport
scattering coefficient.

2.5 Murine Experiments (in vivo)
All experiments were carried out under animal protocols approved by the Institutional Animal Care and Use Committee
(IACUC), and animals were housed and cared for in the Animal Resource Center at Dartmouth Medical School,
Dartmouth College. C3H mice were ordered from Jackson Labs (ME) and used for subcutaneous implantation of MTG-B
tumor cells in the hind right flank of the animal.
Five mice with subcutaneous MTGB murine tumors were used to assess the photon attenuation in the tumor. A cut end
fiber with the diameter of 200 µm was inserted into the tumor at different depth from 0.5 mm to 6.75 mm with the interval
of 0.625mm. The use of a cut end fiber was justified as a way to same a specific solid angle of the isotropic fluence within
the tissue. At distances further from the source, this isotropic flux is thought to be a good predictor of the total fluence in
the tissue. The light from the fiber was detected by a sensitive Silicon photodiode-based power meter (Newport
Instruments). All the flux data were normalized to the data at the skin. Assuming that the light is isotropic at each point
inside the tumor, we can calculate the photon fluence according to the light flux recorded and normalize it. The slop of
this line at deeper depths in the tissue is related to the effective attenuation coefficient of the tissue.

3. RESULTS
Assuming the incident light is equally distributed, the numbers of photons delivered to the curved and flat tissue are
significantly different (Figure 2, 4 and 5). At an incidence angle of 0°, the ratios of photon fluence of tumors to the flat
tissue are 70.7%, 76.3% and 76.7%, for the three tumor curvature values denoted by types I II III, respectively in Figure 1.
With the incidence angle of 30°, the ratios of photon fluence of tumors to the flat tissue are 59.5%, 62.5% and 68.5%, again
for the three tumor types I II III, respectively.
When we change the incidence angle between 0°to 30°, shown in Figures 4 and 5, the total photons delivered into the
flat tissue is changed by less than 1% from 224.2 to 222.5. For the tumor type I, the fluence is changed by 16 % from 158.5
to 132.6. For the tumor type II, the fluence is changed by 19 % from 171.1 to 139.2. For the tumo r type III, the fluence is
changed by 11 % from 172.0 to 152.5. Thus the changing of incidence angle can make more difference in the photon
fluence in tumor than the flat tissue, which can become a major issue for typical animal experiments where the tissue
geometry is quite often irregular.

(a)

(b)

(c)

(d)

Figure 2: Effect of geometry on photon fluence in the simulation. The light
incidence angle is 0º. All the photon fluence data shown in the figure is in the log
format, the colormap varies from -8 to 1. (a) is the flat muscle tissue, (b) is the
tumor tissue of geometry type I, (c) is the tumor tissue of geometry type II, (d) is
the tumor tissue of geometry type III. (illustrated in Figure 1).

Figure 3: The photon fluence in the simulation attenuates along a line below the
source center from 0mm to 5mm. The light incidence angle is 0º. Assume the
incidence light has the fluence of 1. All the sample points are beneath the skin.
Figure 3 shows that in the simulation the photon fluence attenuation along the line below the source, we find that the
photon fluence attenuates quickly within 5mm. Different geometries cause different absolute photon fluence values, but
the attenuate rates are almost same between different geometries.
Figure 4: The photon fluence in the whole simulation area
changes with the incidence angle. As the incidence angle
increase from 0ºto 30º, the photon fluence in the flat
muscle tissue changed from 224.2 to 222.5, the photon
fluence in the tumor type I changed from 158.5 to 132.6,
the photon fluence in the tumor type II changed from 171.1
to 139.2, the photon fluence in the tumor type III changed
from 172.0 to 152.5.

Figure 5: Photon fluence ratios in the simulation change
along with the increasing of incidence angle from 0ºto 30º.
For the incidence angle of 0º, the ratios of photon fluence
of tumors to the flat tissue are 70.7%, 76.3% and 76.7%,
for the three tumor curvature values denoted by types I II
III. The ratios drop to 59.5%, 62.5% and 68.5% when the
incidence angle increased to 30º.

Figure 6: The light fluence in the simulation after including
the skin reflection along the x-axis. This figure shows the
attenuation of the light as it passes through the skin.
Assume the light incidence fluence is 1 and the tumor
diameter is 8 mm. The dominant reflections occur at the
edge of the tumor. The tumor with larger geometry
curvature has more light attenuation because of the skin
reflection.

Considering the reflection of the skin in the simulation, we find the reflection is quite different within different tumor
geometries. With the same incidence light fluence of 1, the dominant reflection occurs at the edge of the tumor. The larger
geometry curvature the tumor has, the more light fluence attenuation would caused by the reflection.
Shown in Figure 7 (a –b), the MTGB tumor radius of 5 mm, we normalized all the data to the data recorded 0.5mm
beneath the skin. The photon fluence was attenuated to near 21% at a depth of 6.75 mm under the skin after the light getting
through the skin. From the diffusion approximation, the photon fluence was attenuated to 17% at the depth of 6.75 mm
under the skin. The simulations gave relative fluence values that were very close to the experimental relative data.

(a)

(b)

Figure 7: The light fluence attenuation by the simulation and murine experiment.
(a) 5 mice were used for the experiment, the light fluence was measured at the
depth from 0.5 mm to 6.75 mm. All the data are normalized to the first measure
point for each mouse. (b) The averaged data showed the photon fluence was
attenuated to near 21% at a depth of 6.75 mm under the skin after the light getting
through the skin. From the simulation, the photon fluence was attenuated to 17%
at the depth of 6.75 mm under the skin.

4. DISCUSSION
In this study, we find that curved geometry tumor tissue and the flat muscle tissue have quite different photon fluence with
the same laser output, which means when we use the same laser output and lasing time for PDT study, the exact light
delivered into the area of interest in flat muscle tissue and the tumor are significantly different. If unaccounted for, this
difference could alter the evaluation of how PDT treatment affects tumor versus normal tissues. If we want to make the
evaluation more precise, we should adjust the output of the laser or the lasing time for different tissue geometry (flatter or
curved).
When we measured the photon fluence below the source point (shown in Figure 7), the attenuation curve of the tumor
is almost same as the in vivo experiment data (i.e. having the same shape and same attenuation rate). This match between
the simulation and the experiment was fortunate. In general, it is well known that diffusion theory prediction cannot be
assumed to be accurate for measurements less than 3 scattering lengths from the source position, so we might expect the
maximum mismatch to be near the surface of the tumor. However in our simulations, we found good matching between
simulation and experiment. This was encouraging and may form the basis for further use of diffusion theory in these
tumors. However, it is important to use caution when interpreting these predictions since the limitations of diffusion
theory prediction are well known in these small tissue geometries.
We also studied the reduction in source intensity below the skin, due to loss of light from reflection off of the top
surface of the tissue. From Figure 6 we find that the dominant reflections occur at the edge of the tumor as might be
expected since this is where the greatest curvature exists. The reflection coefficient changes a lot due to the different
geometries (curvature and position of the center of the circle), making reflections off of a tumor much more problematic
than reflections off of flat normal tissues. The incidence angle does alter the photon fluence inside the tissue. It is
important to make the laser perpendicular to the tumor, in order to minimize transmission errors in animal studies with
small tumors. But in the flat tissue, the incidence angles do not make such big influence. And we can also find it from the
results that if the incidence angle is below the 15°, the difference is below 5% (3.8%, 4.7%, and 1.8% for tumor type I II III,
as shown in Figure 1 respectively). So, if the incidence angle is quite smaller than 15°in the PDT treatment, it is not
necessary to adjust the incidence angle.

5. CONCLUSIONS
We have introduced a finite element method for deriving photon fluence inside an object, assuming that the photon
transport model is the diffusion approximation to the Boltzman transport equation. We have given results from the model
for a particular case: the calculation of the photon fluence inside different tissue geometries. With this study of numerical
light dosimetry, We have demonstrated the difference of the photon fluence between different tissue geometries with same
laser output.
Undoubtedly more study is required to determine the applicablity of this model, such as Monte Carlo method and 3-D
model. But once these studies have been done, we are confident it should be widely adopted to improve the procedures
used for studies in the treatment of pre-clinical animal tumor models.
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