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Abstract

The main theme of this thesis is the use of fluorescence spectroscopy in biomedicine.
The work presented in the thesis can be divided into three areas of applications.

The first area involves the use of fluorescence to find the location of a deeply situ-
ated fluorophore within turbid media. Fluorescence emitted from the fluorophore will
be attenuated when propagating through the medium, due to the optical properties of
the surroundings. The fluorescence light will be more attenuated at some wavelengths
as the tissue optical properties are wavelength-dependent, and this difference will be
more pronounced the longer the light travels. An intensity ratio of fluorescence at two
selected wavelengths can therefore provide information about the depth of the inclu-
sion. This has been investigated with both simulations and experiments with tissue
phantoms. A further step has been to incorporate this depth-dependent ratio into a
reconstruction algorithm used in fluorescence tomography.

Photodynamic therapy (PDT) is a local treatment modality of tumors, requiring
light, oxygen and an administered photosensitizer, which preferably accumulates in
tumor tissue. The second main area in this thesis has been the study of the pharma-
cokinetics of a liposomal formulation of the photosensitizer Temoporfin in different
animal tumor models. Fluorescence measurements have been performed in order to
estimate the quantity of photosensitizer within tumor and normal tissues following
either topical or systemical administration of the drug. These quantities were com-
pared to the drug concentrations obtained with chemical extraction. Time intervals of
2–8 hours between administration and measurements were investigated. Absorption
spectroscopy was also performed when using topical application of the drug, yield-
ing a good correlation of photosensitizer concentration compared to extraction data.
Tumor selectivity of this liposomal Temoporfin formulation was shown at these short
time intervals. Fluorescence measurements have also been performed in a first clinical
PDT trial using topical application of this new formulation.

The final application utilizing fluorescence was to measure temperature optically.
Certain crystals change their fluorescence spectrum when the temperature is altered.
By attaching a crystal to a fiber tip, the temperature can be monitored at the position
of the fiber. An intensity ratio of detected fluorescence in two wavelength bands can
provide an estimate of the temperature. The temperature was monitored during a
10 minutes long light illumination on skin of a volunteer, indicating a temperature
increase. The technique was also tested interstitially in meat, showing a temperature
increase during the entire illumination as no perfusion was present, which normally
stabilizes the temperature.
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Sammanfattning

Denna avhandling beskriver hur fluorescens kan användas inom
biomedicinomr̊adet. Fluorescens är ett fenomen, som uppst̊ar när
molekyler absorberar inkommande ljus och sedan återutsänder ljus
som har längre v̊aglängd än det inkommande ljuset, och därför
lägre energi, d̊a en del av det absorberade ljuset omvandlats till
värme i det omkringliggande mediet. I mänsklig vävnad finns flera
olika molekyler, s̊a kallade fluoroforer, som kan absorbera ljus och
skapa fluorescens.

Arbetet som denna avhandling bygger p̊a kan delas in i tre
delar, där varje del innefattar mätning och analys av fluorescensljus
som genererats.

Den första delen behandlar möjligheten att bestämma djupet
av ett fluorescerande objekt som befinner sig n̊agonstans under
ytan i ett spridande material. Fluorescensljuset, som sänds ut fr̊an
det fluorescerande objektet, kommer att dämpas medan det färdas
fr̊an objektet till ytan, där ljuset kan detekteras. Dämpningen
uppkommer d̊a vävnaden b̊ade sprider och absorberar ljus. Fluo-
rescensen vid olika v̊aglängder kommer att dämpas olika mycket
d̊a b̊ade spridning och absorption är v̊aglängdsberoende. Denna
skillnad kommer att bli mer p̊ataglig ju längre väg ljuset färdas i
vävnaden. En kvot mellan intensiteterna vid tv̊a olika detekterade
v̊aglängder kan därmed ge information om djupet av det fluore-
scerande objektet. Detta har studerats b̊ade med simuleringar och
experiment med s̊a kallade vävnadsfantomer, vilka uppvisar op-
tiska egenskaper liknande mänsklig vävnad. Det senaste arbetet
inom detta omr̊adet beskriver hur denna djupinformation kan ut-
nyttjas för att kunna rekonstruera ett fluorescerande objekt fr̊an
tomografiska mätningar.

Fotodynamisk tumörterapi är en metod för lokal behandling
av tumörer. Ljus, syre och en kemisk substans, som ackumuleras
i högre grad i tumör jämfört med frisk vävnad, är de tre kompo-
nenter som krävs för själva behandlingen. Inom det andra stora
projektet i denna avhandling har farmakokinetiska mätningar av
substansen Temoporfin utförts, d.v.s. monitorering av hur mycket
det finns av substansen i tumör respektive frisk vävnad vid olika

iii



iv

tidpunkter efter att substansen tillförts. Dessa försök har utförts
i djurmodell b̊ade d̊a substansen applicerats p̊a huden och ocks̊a
via injicering i blodet. En uppskattning av mängden substans i
olika vävnader har utförts med fluorescensspektroskopi och dessa
värden har sedan jämförts med den koncentration som uppmätts
via kemisk extraktion av substansen i vävnaden. Resultaten visar
att det finns en selektivitet av substansen i tumör jämfört med
normal vävnad vilket är positivt för att kunna behandla tumörer
och spara normal vävnad. Fluorescensmätningar har ocks̊a utförts
under behandling av patienter, d̊a med ytlig applicering av Temo-
porfin.

Den sista delen av avhandlingen beskriver en optisk metod
för att mäta temperatur. Det finns vissa kristaller vars fluo-
rescens ändrar karaktär med temperaturen. Om en liten bit
av en s̊adan kristall limmas fast p̊a en fiberspets, är det sedan
möjligt att studera temperaturen i just den punkt där fibern är
placerad genom att mäta kristallens fluorescensljus. Under en
10 minuter l̊ang belysning med laserljus via fibern med kristallen
placerad p̊a mänsklig hud, kunde en temperaturökning under de
första minuterna monitoreras. Tekniken testades ocks̊a intersti-
tiellt i kött, varvid en temperaturökning under hela belysningen
uppmättes eftersom inget blodflöde fanns som kunde kyla ner
vävnaden.
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Chapter 1

Introduction

Fluorescence spectroscopy has been used in several decades for
medical applications, for example for tumor detection and tissue
diagnostics. A great advantage with fluorescence monitoring is
that it is a non-invasive method and can be performed in real-
time. Fluorescence can be used to help physicians in finding areas
with cancer that may not be visible during white-light examina-
tion. How is tissue fluorescence induced? To be able to generate
fluorescence light, the tissue needs to be illuminated with light of
a specific wavelength. Different molecules in the tissue can absorb
the excitation light, and after a short time period the molecules
will re-emit light, called fluorescence. Fluorescence is characterized
with a broad wavelength distribution and the emission consists of
longer wavelengths than the exciting light.

Papers i–v involve work in connection to the multidisciplinary
field called molecular imaging. My part within this project has
been to evaluate a method to determine the depth of a fluorescent
object embedded in tissue, or rather in tissue-like phantoms, by
studying the emitted fluorescence. The principle is based on the
fact that emitted fluorescence light is attenuated as it propagates
from the source through the medium to the detection at the tis-
sue surface. This attenuation is due to the optical properties of
tissue and that these are wavelength dependent. Distinct fluore-
scence wavelengths may be differently attenuated, and more so if
the light has travelled a longer way. Therefore, a ratio between
two such wavelengths can provide information about the depth of
the inclusion. However, there are limitations with this intensity
ratio and these have also been investigated with simulations in
Papers i–ii. The next step was to use this multispectral informa-
tion in the reconstruction algorithm of fluorescence tomography.
These preliminary results are presented in Paper iv.

Photodynamic therapy (PDT) is a treatment modality of ma-
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lignant tumors, where light together with an administered photo-
sensitizer and oxygen induce cell death. A property of the adminis-
tered photosensitizer is that it should preferably accumulate in the
tumor to be treated and not in non-diseased tissue. An important
task is to study the pharmacokinetics of these photosensitizers. In
Papers vi–vii the pharmacokinetics of a liposomal formulation of
the photosensitizer Temoporfin has been studied in animal tumor
models. Different methods have been utilized; optical methods as
well as high pressure liquid chromatography, in order to estimate
the amount of photosensitizer in tumors and healthy tissue. A first
clinical study has also been performed using topical application of
Temoporfin, presented in Paper viii.

The last paper in the thesis, Paper ix, involves work on how to
measure temperature with an optical method using certain crystals
attached to optical fibers. The special feature with these crystals
is that the spectral shape of the emitted fluorescence changes when
the temperature in the crystals increases or decreases. By studying
the spectral changes, the temperature can be determined within
the object where the crystal is located.

This thesis is divided into four main chapters. Chapter 2, which
describes the interaction of light with tissue and Chapter 3, which
explains fluorescence and different detection techniques of fluore-
scence light. The field of molecular imaging is introduced in Chap-
ter 4. Chapter 5 describes PDT and different aspects of photosen-
sitizers. A short background of optical temperature measurements
is also given in this last chapter. In the final part of the thesis the
papers are included.



Chapter 2

Light-tissue interaction

Light consists of photons with specific energies. The energy of a
photon is directly related to the wavelength of the light. Spectro-
scopic measurements for tissue diagnostics are usually performed
in the wavelength region from the ultraviolet (UV) to the infrared
(IR) region. The visible wavelength region, from 400 nm to 700
nm, is located between the UV and IR regions.

When tissue is illuminated, light can be reflected at the surface.
This is due to differences in refractive index between air and tissue,
and is often referred to as specular reflectance. The light not re-
flected at the surface is transmitted into the tissue, see Figure 2.1.
When light interacts with tissue it can either be scattered or ab-
sorbed. Scattering is a phenomenon where light changes direction
because of the structure inside the tissue. Cells and their con-
stituents cause scattering as the refractive indices of the structures
differ from their surrounding. Absorption means that the photon
energy is absorbed by molecules in the tissue, e.g. by the strong
absorber hemoglobin. When light is absorbed, several processes
can take place. The absorbed energy can excite the molecule and
after some time the molecule will decay to its initial state and emit
fluorescence light. Fluorescence will be described in more detail in
Chapter 3. Another possibility is that the absorbed energy will be
converted into heat, increasing the temperature in the tissue.

Incoming light Reflected light

Absorption

Scattering

Air

Tissue

Figure 2.1. When tissue is
illuminated light can be reflected
at the surface or transmitted into
the tissue. Inside the tissue the
light can either be absorbed or
scattered.

2.1 Absorption

Absorption in tissue is described by the absorption coefficient μa

[m−1], which gives the probability of absorption per unit length1.
An absorber is a substance which absorbs radiation. The specific
part of a molecule in the substance that gives rise to the absorption,
through electronic transitions, is called a chromophore. In tissue,
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4 2.2. Scattering

the main absorbers are deoxy- and oxy-hemoglobin, water, lipid
and melanin.

The absorption coefficient of an absorber is described by the
product of the extinction coefficient, ε [M−1cm−1], and the con-
centration, c [M], of the specific absorber. The total absorption
coefficient in tissue is a sum of the absorption coefficients of the
present absorbers as denoted in Eq. 2.1.

μa(λ) =
∑

k

εk(λ)ck(λ) . (2.1)

The absorption coefficient of tissue is strongly wavelength de-
pendent due to the fact that the chromophores absorb light of
different wavelengths. In Figure 2.2 the extinction coefficient as a
function of wavelength can be seen for deoxy- and oxy-hemoglobin,
respectively. The overall absorption in tissue is relatively low in
the wavelength region 650–1300 nm. Therefore, this region is of-
ten called the tissue optical window. Light can penetrate deep into
the tissue when the absorption is low, and therefore this region is
favorable to use for certain types of tissue diagnostics.

400 600
10

2

10
4

10
6

λ (nm)

ε 
(M

−
1 cm

−
1 )

Figure 2.2. Extinction coefficients
as a function of wavelength for
deoxy-hemoglobin (gray) and
oxy-hemoglobin (black) 2.

Hemoglobin is the pigment that carry oxygen in the red blood
cells. Hemoglobin can be found in both an oxygenated and a de-
oxygenated form. Oxygenated hemoglobin shows a difference in
absorption compared to deoxygenated hemoglobin due to differ-
ences in the molecular structure. Both forms have two strong
absorption bands around 420 and 550 nm in the visible region,
but deoxy-hemoglobin shows a stronger absorption around 660 nm
compared to the oxygenated form. Melanin is a pigment in skin,
hair and in the iris of the eye. It is a dark pigment that is a
strong absorber in the UV and blue wavelength regions. There-
fore, melanin protects the lower layers of the skin from dangerous
UV-rays emitted by the sun. Lipids exist in most tissues, but in
different amounts, and they absorb mostly in the near infrared
region. Water absorbs mainly in the UV and IR regions.

2.2 Scattering

Light is scattered inside tissue as it interacts with the structural
differences present in tissue. Scattering in tissue is described by
the scattering coefficient μs [m−1], which gives the probability of
scattering per unit length1. The differences in structure are also
found on a subcellular level, where cell organelles, e.g. the mito-
chondria, can scatter light3. Also the scattering coefficient shows
a dependence on wavelength, but only as a small decrease as the
wavelength is increased. The relationship between scattering coef-
ficient and wavelength is given by Eq. 2.2:

μs = A · λ−b , (2.2)
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where A and b are constants and where b is usually in the order of
one in tissue.

If light is scattered with the same probability in all directions,
the scattering is called isotropic. In tissue the light is mostly scat-
tered in a forward direction. The scattering direction is often de-
scribed by the scattering anisotropy or g-factor, which is given by
Eq. 2.3 as the expectation value of cos θ:

g = 〈cos θ〉 , (2.3)

where θ is the angle between the incoming light and the scattered
light1. The g-factor is in the range of 0.7–1.0 for different tissue
types4.

If light is scattered many times in tissue the light will become
diffuse and the g-factor and μs cannot be separated. Therefore,
a new parameter called the reduced scattering coefficient, μ′

s, is
introduced and given by:

μ′

s = μs(1 − g) . (2.4)

2.3 Transport equation

One way to model the light propagation in tissue is to use the
radiative transport equation (RTE)1, described by Eq. 2.5.

1

c

∂L(r, s, t)

∂t
= −s · ∇L(r, s, t) − (μa + μs)L(r, s, t) +

μs

∫
4π

L(r, s, t)p(s, s
′

)dω + q(r, s, t) , (2.5)

where c is the velocity of light in tissue, L(r, s, t) is the radiance
[W/m2sr], meaning the power passing perpendicular to an area
element in the direction s and per angle, dω, around the vector s
at a certain point in time. The term p(s, s′) is the probability of
scattering of light from the direction s′ into the direction s. The
last term, q(r, s, t), corresponds to a light source inside the volume
element. RTE is based on energy conservation in a small volume
element1, dV . The meaning of the different terms in the transport
equation are illustrated in Figure 2.3.

Scattering from s Source

s

Absorption

Scattering into s

Figure 2.3. The different terms in
the radiative transfer equation.

It is difficult to solve the radiative transport equation analyt-
ically. Therefore, different methods to simplify the equation have
been developed. One method is to use a diffusion approximation
and another approach is to use a statistical method where Monte
Carlo simulations are performed. Both methods will be described
in the following sections. To solve the RTE a discrete-ordinate
finite-difference method can also be used. In this approach the
equation is discretized in both the directional- and room variables
and the derivatives are approximated numerically.
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2.4 Diffusion approximation

Light transport through a medium, where scattering is much larger
than the absorption, can be described using the diffusion approxi-
mation5;6. In order for the diffusion approximation to be valid it is
necessary that the light is diffuse. Therefore, the source and detec-
tor must be separated sufficiently for this to happen. In tissue the
light is assumed to be diffuse after approximately ten scattering
events.

The concept of the diffusion approximation is that the radiance,
p(s, s′) and the source term of the RTE are expanded into spherical
harmonics, Ylm. The expansion of the radiance is given by Eq. 2.6:

L (r, s, t) =

∞∑
l=0

l∑
m=−l

√
2l + 1

4π
Llm (r, t) Ylm (s) .

(2.6)

Two quantities utilized in the derivation of the diffusion ap-
proximation are the fluence rate, φ(r, t) [W/m2], and the photon
flux, F(r, t) [W/m2]. Definitions of these two quantities are given
in Eqs. 2.7 and 2.8, respectively.

φ (r, t) =

∫
4π

L (r, s, t) dω , (2.7)

F (r, t) =

∫
4π

L (r, s, t) sdω . (2.8)

The expansion in Eq. 2.6 can be truncated by only including
terms with l ≤ N , giving rise to a so called PN -approximation.
Most often the P1-approximation is used, where only terms corre-
sponding to l = 0, 1 are incorporated. Using the P1-approximation
together with Eqs. 2.7 and 2.8 the radiance can be expressed as:

L (r, s, t) ≈
1

4π
(φ (r, t) + 3F (r, t) · s) ,

(2.9)

where the first term, including φ, symbolizes an isotropic part of
the radiance and the second term, including F, can be seen as a
small directional component in the radiance.

By assuming an isotropic light source and a constant flux vec-
tor in time, light transport can now be described by the diffusion
equation according to Eq. 2.10:

1

c

∂φ(r, t)

∂t
− D∇2φ(r, t) + μaφ(r, t) = q(r, t) , (2.10)
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where c is the velocity of light in tissue and D is the diffusion
coefficient, described by:

D =
1

3(μa + μ′

s)
. (2.11)

However, in the visible wavelength region the absorption is no
longer much less than the scattering and the diffusion coefficient
given by Eq. 2.11 is no longer accurate. A modified diffusion co-
efficient has been derived7, given by Eq. 2.12, where α is both
absorption and scattering dependent. Using this modified coeffi-
cient, Eq. 2.10 has been shown to be valid in medium with some-
what higher absorption.

D =
1

3(αμa + μ′

s)
. (2.12)

The diffusion equation has the advantage that it can be solved
analytically for simple geometries. An analytical solution to the
diffusion equation is its corresponding Green’s function assuming
a homogenous medium and an isotropic point source. A solution
for the time-independent case is given by:

φ(r) =
1

4πD
·
e−μeff r

r
, (2.13)

where μeff is the effective attenuation coefficient given by μeff =√
3μa(μa + μ′

s). If the geometry is not an infinite homogenous
medium, the source is usually not an isotropic point source but
rather a laser beam entering at the tissue surface. Then the source
can instead be treated as an isotropic point source located at a dis-
tance 1/μ′

s below the surface8. It is also important to take into
account appropriate boundary conditions when dealing with non-
infinite media. When more difficult geometries and inhomogeneous
media are considered, numerical methods can be used instead. The
finite element method (FEM) is such a numerical approach where
the medium is divided into a mesh and the solution to the diffusion
equation is approximated by simple functions, e.g. low-order poly-
nomials, in each mesh element. Close to inhomogeneities a finer
mesh can be defined in order to approximate the solution more
accurately.

2.5 The Monte Carlo method

A statistical method for approximating the solution to the radia-
tive transport equation is to perform Monte Carlo simulations of
photons in a turbid medium9;10. The light distribution is simu-
lated with a random walk of photons (or photon packages) inside
the medium. By repeating this random walk for a large number
of photons, good statistics can be achieved. Different outputs can
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be obtained from the simulations: absorption, reflection, trans-
mission and light fluence. The main input parameters to a Monte
Carlo simulation software are the optical properties, (μs, μa, g),
the refractive index and the geometry of the medium. There are
several advantages with this method. One being that there is no
restriction in the range of optical properties as compared to the
diffusion approximation, where scattering dominates over absorp-
tion. Another advantage is that any geometry could potentially
be used.

The principle of a Monte Carlo simulation is that a photon
package is launched onto the medium. At the boundary the photon
package can either be transmitted or reflected, if reflection occurs
this event is saved and a new photon package is launched. If the
photon package enters the medium, the step size of the propagation
and the scattering angles are drawn from probability distributions
determined by the input parameters, and the photon package is
moved to its new coordinates. At each interaction site part of
the package can be absorbed, and the absorbed part is saved at
that specific location. The random determination of scattering
and absorption of the photon package is repeated until the photon
package leaves through a boundary of the medium or until the
package is totally absorbed.

2.5.1 Fluorescence Monte Carlo

It is also of interest to study fluorescence using Monte Carlo simu-
lations. There exist different Monte Carlo codes to simulate fluore-
scence11;12. A layered accelerated fluorescence Monte Carlo code
has been developed by Swartling et al 11. This code has been used
to simulate fluorescence in tissue to determine the depth of a fluo-
rescent layer inside a medium in Papers i–ii. To be able to simulate
fluorescence light several Monte Carlo simulations need to be per-
formed. First a simulation is performed to achieve the absorption
of the excitation light by the fluorophores inside a medium. Then
another simulation is performed to obtain the fluorescence propa-
gation from all possible sources within the medium to the surface,
assuming optical properties for the wavelength of the fluorescence
light in the medium. An efficient way of achieving this is by using a

A

B

C

D

Figure 2.4. The amount of
fluorescence created in A and
detected in B is proportional to
the amount of fluorescence
detected in D due to a source in
C.

reciprocity theorem, illustrated in Figure 2.4. Only one simulation
is required for each specific fluorescence wavelength, assuming the
source of fluorescence on the surface instead of inside the tissue11.
The two matrices, absorption of excitation light and emission of
fluorescence light, are convolved in the radial direction to produce
the probability of transmitted or reflected fluorescence light as a
function of radius on the surface.
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2.6 Determination of optical properties

The optical properties of tissue are often not known before-
hand, therefore some measurements need to be performed to ob-
tain these properties. There are at least four different meth-
ods to obtain the optical properties: spatially resolved measure-
ments13–15, time-resolved measurements8;16;17, frequency domain
measurements18;19 and integrating sphere measurements20. All
methods, except the last one, give only two of the optical prop-
erties (μa, μ′

s). To obtain all three parameters, (μa, μs, g), an
integrating sphere set-up can be used. The inner surface of an
integrating sphere consists of a highly reflecting material, which
makes it possible to collect all light entering the sphere. Measure-
ments of the diffuse reflectance and diffuse transmittance20 of the
sample with the sphere, can give estimates of μa and μ′

s. An ad-
ditional measurement with a collimated light beam measures the
sum of the absorption and scattering coefficients. After these three
measurements have been performed, the optical properties of the
tissue can be calculated. The method has one major drawback as
the measurements must be conducted on thin slabs and cannot be
performed in vivo.

2.6.1 Inverse adding-doubling

When using an integrating sphere three different measurements
are performed, and the measured values are total reflection and
transmission, and unscattered transmission. A way to determine
the optical properties of the sample from the measured quantities
with the integrating sphere is to use the method inverse adding-
doubling (IAD)21. It is a numerical solution of the radiative trans-
port equation and has an advantage, compared to e.g. the diffusion
approximation, that it requires no limits in the optical properties.
IAD is often used to determine the optical properties of biologi-
cal samples compressed between two glass slides. Using IAD the
reflection and the transmission are calculated iteratively from an
initial guess of the optical properties. When the calculated and the
measured values agree, the optical properties of the sample have
been determined.

2.6.2 Measurement of μa

rs

Figure 2.5. Source and detection
fibers separated by a distance rs.

It has been shown that there is a specific source-detector separa-
tion range, rs, illustrated in Figure 2.5, where the effective path
length of the detected photons is approximately independent of the
scattering in tissue22;23. The effective path length is the distance
that can replace all the individual path lengths of the detected
photons, thus it can be seen as a pseudo-mean path length. By
using a probe with this specific source-detector fiber separation,
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the absorption coefficient can be determined without knowing the
scattering coefficient. In tissue with a reduced scattering coeffi-
cient of 5–15 cm−1 this fiber separation will be in the range23

1.5–2.6 mm. Although the effective path length is insensitive to
variations in scattering in this range of source-detector separations,
the detected intensity can still be affected.

In Paper vi we wanted to determine the concentration of a drug
in tumor tissue. By performing spatially resolved measurements
of reflectance the absorption due to the drug could be determined
and hence the concentration, see Eq. 2.1. The probe used had a
distance of 2.0 mm between the source and detection fibers, thus
reducing the effect of scattering in the measurements.

Another specific distance between the source and detection
fibers is the so called pivot point, where the detected intensity
is invariant with respect to the scattering in tissue. Measurements
at the pivot point can also be used to determine an approximate
value of the absorption coefficient15.



Chapter 3

Fluorescence spectroscopy

Most of the work presented in the thesis is related to fluorescence
spectroscopy. This chapter will give an introduction to fluorescence
spectroscopy, including the basic theory of fluorescence and the
origin of tissue fluorescence. Fluorescence detection techniques as
well as factors influencing acquired fluorescence spectra will also
be discussed in this chapter.

3.1 Fluorescence

As for atoms, energy diagrams of molecules consist of electronic
energy levels. However, molecules can also rotate and vibrate,
introducing a splitting of the electronic energy levels into many
sub-levels. If the energy of an incoming photon matches the dif-
ference between two energy levels in the molecule, the photon can
be absorbed. From here different processes can take place as il-
lustrated in Figure 3.1. All these processes result in the molecule
releasing its excess energy gained when absorbing the photon24. S0

S1

Sn

T1

Abs F
P

IX

VR

IC

Figure 3.1. An energy level
diagram where the different
processes that can occur after
excitation of the molecule are
illustrated. S and T denote a
singlet and a triplet state in the
molecule, respectively.
Abs–absorption, VR–vibrational
relaxation, IC–internal conversion,
F–fluorescence, IX–intersystem
crossing, P–phosphorescence.

The molecule is most probable to be located in the ground
state, S0, at energy equilibrium. After absorption the molecule is
excited to another singlet state, Sn. From here the molecule will
directly relax into the lowest vibrational state within this excited
electronic state. This non-radiating process is called vibrational
relaxation (VR). The release of the excess energy is converted into
heat.

From the excited state, Sn, the molecule will move to a lower
electronic state, Sn−1, through a process called internal conver-
sion (IC). The molecule will once again relax to the lowest vibra-
tional level within this state through VR. After several IC and
VR processes the molecule will end up in the state S1. From here
the remaining excess energy of the molecule can be released as

11
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a photon when the molecule returns to any vibrational level in
the ground state. This process is called fluorescence. The fluo-
rescence photon will have a longer wavelength than the incoming
photon, as the molecule looses some energy in the non-radiative re-
laxation processes. The generated fluorescence contains light of a
broad wavelength range and not a sharp peak since the relaxation
process can be carried out to any vibrational level in the ground
state.

A transition of the molecule into a triplet state from a singlet
state is also possible, which is called inter-system crossing (IX).
The molecule will then relax to the lowest triplet state, T1, through
VR and IC processes. From here the molecule can return to its
ground state by emitting a photon. This phenomenon is called
phosphorescence. During phosphorescence it takes longer time for
the molecule to return to the ground state as compared to the
fluorescence process. This is due to the fact that the lifetime of
the triplet state is long, because the transition from a triplet to a
singlet state is forbidden as a pure dipole-transition.

There is yet another relaxation path where the absorbed energy
is transferred to and exciting a neighboring molecule. This path is
not marked in the figure. If the absorbed photon is re-emitted im-
mediately without loosing any energy to the molecule, the process
is called scattering.

3.2 Autofluorescence

Tissue autofluorescence is the fluorescence emitted from differ-
ent natural fluorophores in tissue, usually upon excitation with
UV or blue light. Autofluorescence is usually emitted in the
blue–green region. Examples of tissue fluorophores contributing
to this autofluorescence are; reduced nicotinamide adenine dinu-
cleotide (NADH), flavin adenine dinucleotide (FAD), elastin, col-
lagen, tryptophan and endogenous porphyrins25–27. These tissue
fluorophores have individual excitation and emission maxima.

The oxidized forms NAD and FAD are electron acceptors in
the metabolism of the cell. After accepting an electron the car-
riers are reduced into the forms NADH and FADH2, respectively.
Later these reduced forms transfer the electrons to oxygen in the
mitochondria, and they once again become oxidized27. It is the
reduced form NADH and the oxidized form FAD that are fluores-
cent in the visible region. Depending on the state of the cell the
balance between the concentrations of oxidized and reduced forms
will change and lead to differences in the fluorescence spectrum,
which therefore can give information about the metabolic function
of the cell and tissue25.

Collagen and elastin are proteins that are found in supportive
tissue, and are important fluorophores in the extracellular matrix.
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Tryptophan is an amino acid that fluoresces strongly when excited
with light with a wavelength shorter than 300 nm. Endogenous
porphyrins exhibit fluorescence in the red wavelength region28.
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Figure 3.2. The emitted
autofluorescence from the vocal
cords after excitation with 337 nm
light.

Autofluorescence acquired from a vocal cord is seen in Fig-
ure 3.2. Fluorescence spectra from tissue show a broad emission,
corresponding to the sum of the fluorescence emitted from several
fluorophores. The shape of the autofluorescence depends also on
chromophores reabsorbing emitted fluorescence and varies depend-
ing on tissue type.

In precancerous tissue the fluorescence intensity normally de-
creases when using near UV excitation and the peak of the emission
is shifted towards the red29. Emitted fluorescence from abnormal
cells can be changed due to the fact that these cells often have
changed metabolism and different cell structure. The often in-
creased blood flow in tumors can absorb a large amount of light
yielding a lower level of induced fluorescence.

When studying the fluorescence in vivo from the uterine cervix
it has been shown that the absolute contribution of collagen fluo-
rescence decreases and the relative contribution of NADH fluore-
scence increases when going from normal to abnormal tissue29;30.
A decrease in collagen fluorescence in tumor tissue compared to
normal tissue has also been observed in samples of human intesti-
nal tissue in vitro 31 and in vivo 32, but also in skin in vivo 33. This

submucosa

abnormal

epithelium

normal

Figure 3.3. Epithelium layer is
thicker in abnormal compared to
normal tissue.

decrease in collagen fluorescence can be due to that the upper ep-
ithelium layer of these tissue types gets thicker as it progresses into
abnormal tissue, as is illustrated in Figure 3.3. Since most of the
collagen is located in the underlying structures of the tissue, less
excitation light will penetrate deep enough and hence less collagen
fluorescence is induced as the epithelium layer gets thicker. This
suggests that the changes in autofluorescence from epithelial tissue
are related to the morphological state of the tissue29;32.

3.3 Exogenous fluorophores

Sometimes it can be difficult to diagnose tissue by only study-
ing the tissue autofluorescence. The fluorescence yield of tissue
fluorophores is rather low, providing a low signal of tissue fluore-
scence. It is also necessary to have a thorough knowledge about
the correlation between the cell biology and tissue autofluores-
cence. As mentioned before, the autofluorescence can change in
different ways and this makes it difficult to diagnose tissue by
only studying this endogenous fluorescence. A way to increase the
sensitivity of tumor detection, is to administer a fluorescent tumor
marker, which accumulates in tumor tissue to a higher degree than
in normal tissue27. These tumor markers usually emit fluorescence
light in the red or near-infrared region, making it easy to separate
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the fluorescence of the tumor marker from the blue–green tissue
autofluorescence.

Porphyrin derivatives and chlorins are groups of different tumor
markers used for fluorescence diagnostics27. One example of a tu-
mor marker is the fluorescent molecule Protoporphyrin IX (PpIX),
which is converted in the cells from the administered precursor δ-
aminolevulinic acid (ALA). The fluorescence from PpIX can be
seen in Figure 3.4. The graph shows the measured fluorescence
following excitation with 405 nm light from normal and premalig-
nant tissue of the vocal cords. The peak due to the tumor marker
is clearly seen in the red part of the spectrum from the non-healthy
tissue. Different tumor markers, also used as photosensitizers in
Photodynamic therapy (PDT) treatments, are discussed in more
detail in Chapter 3.
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Figure 3.4. The spectra show the
red fluorescence from the tumor
marker PpIX after excitation at
405 nm for normal and
premalignant tissue, respectively.

3.4 Laser-induced fluorescence

Laser-induced fluorescence (LIF) spectroscopy is a method devel-
oped for tissue diagnostics34. An important application is to find
tumors and delineate its borders. The method is non-invasive and
can be performed in real-time. The method makes it possible to
investigate inner hollow organs by using optical fibers compati-
ble with endoscopes. The tissue is irradiated with a laser of a
specific wavelength that induces fluorescence from the present flu-
orophores. To study tissue autofluorescence, UV or blue lasers are
primarily used as excitation sources. Only superficial lesions can
be detected following excitation in the violet to the blue wavelength
region, as the penetration depth is very shallow. By using longer
wavelengths, the light can penetrate several millimeters inside the
tissue and deeper lying lesions can be detected. The fluorescence
light will be attenuated as it propagates through tissue, especially
for light with long path lengths. It is not only the wavelength
though that can influence the recorded fluorescence spectrum, but
also the illumination-detection geometries used. The influences
due to optical properties as well as illumination-detection geome-
tries will be discussed in more detail later in this chapter.

Using LIF as a guide, more precise biopsies could be taken.
The goal when using LIF as a guiding tool is to avoid unnecessary
biopsies and only sampling biopsies where LIF finds something
suspicious.

3.5 Fluorescence detection techniques

An important factor for fluorescence measurements is what light
source to be used for the excitation of the fluorophores. If a contin-
uous wave (CW) source is used superficial measurements need to
be performed in a dark room, due to the induced fluorescence light
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being much lower in intensity than the background light from the
examination lamps. A way to overcome this is to use a pulsed light
source, allowing the use of gated detection. This means that the
detection system is opened only for a short time period when the
induced fluorescence light is assumed to reach the detector. Even
though the average fluorescence light intensity is much lower than
the scattered background light, it can be much stronger during the
short periods after the excitation light pulse35.

The two most common techniques to detect fluorescence, point
monitoring and imaging, will be discussed in the following subsec-
tions.

3.5.1 Point monitoring

Point monitoring detection of fluorescence is usually based on a
fiber-coupled laser system32;36;37. The excitation light is then
guided to the tissue through a fiber and the fluorescence is col-
lected and guided back to the instrument through the same or
another fiber, see Figure 3.5. The fluorescence light can be di-
rected to a spectrometer making it possible to study the entire
fluorescence emission spectrum. This is of great importance when

Figure 3.5. Point monitoring
detection schemes.

learning how the characteristic fluorescence spectra of different tis-
sues appear, and thereby extracting contributions from various tis-
sue fluorophores of diagnostic value. Other ways to obtain similar
information is to scan the excitation wavelength (excitation spec-
troscopy) or measure the fluorescence decay in time (time-resolved
fluorescence). An emission type of point monitoring system may
use a pulsed light source and gated detection. There are some dis-
advantages with the point monitoring technique, one is that the
detection is performed only in one spot in the tissue, making it dif-
ficult for instance to find or delineate tumors. Another drawback
when optical fibers are used is that they can damage the tissue and
give rise to bleeding. The blood can then reabsorb the fluorescence
light and change the spectral shape in a non-wanted manner.

3.5.2 Imaging

To be able to delineate tumors fluorescence imaging techniques are
preferable. Different techniques are employed relying on the num-
ber of detected wavelength bands used; single-band, dual-band or
multi-color imaging. When working with imaging it is often diffi-
cult to detect fluorescence from many wavelengths at the same time
in several detection points. Therefore, a selection has to be done to
choose a few wavelengths that provide the most interesting infor-
mation for diagnostics. Point detection of emitted fluorescence is
needed to find these interesting features in the fluorescence spec-
trum. Other imaging modalities are time-gated imaging, where
the fluorescence lifetimes for different fluorophores are studied38.
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The detection unit in an imaging system usually consists of a
filter selecting the appropriate wavelength, an objective that covers
the region of interest and a charge-coupled device (CCD) camera
detecting the fluorescence intensity of the area, see Figure 3.6. To
select the interesting fluorescence wavelengths, different absorp-
tion or interference filters can be used. Absorption filters have a
high transmission for a specific wavelength range, but not a sharp
line between transmission and no transmission. The advantage
with interference filters is the possibility of achieving a narrow
and sharp bandpass effect. However, if many wavelengths are con-
sidered or the system have multiple purposes, it is more conve-
nient to use e.g. a liquid crystal tunable filter (LCTF), where the
wavelength can automatically be tuned within a range of several
hundred nanometers39. A disadvantage is that the transmission
through a LCTF is rather low in the visible wavelength region. An
acousto-optic tunable filter (AOTF) is another alternative when
detection of fluorescence in many different wavelength bands is of
interest40.

CCD

filter &
objective

Figure 3.6. Fluorescence imaging
detection scheme.

3.6 Influencing factors on fluorescence spectra

An acquired fluorescence spectrum is influenced by several factors,
for instance tissue optical properties and illumination-detection
geometry. Optimally these effects are removed in order to obtain
the intrinsic fluorescence spectrum of a fluorophore, i.e. the true
fluorescence spectrum that has not been altered by any external
effects. The intrinsic fluorescence can be used to determine the
concentration of a fluorophore since the fluorescence light emitted
from the fluorophore is proportional to the concentration.

3.6.1 Optical properties

The intensity and spectral shape of the fluorescence light can be al-
tered due to absorption and scattering in tissue. If a large amount
of e.g. hemoglobin is present, hemoglobin can reabsorb the emitted
fluorescence light due to its strong absorption lines in the visible
region41.

A common way to evaluate acquired fluorescence spectra is
to calculate fluorescence intensity ratios to reduce the influences
of experimental factors such as excitation light variations. How-
ever, these ratios will still be dependent on the optical properties
of the tissue. One way to reduce the influence of, for instance,
hemoglobin in a calculated intensity ratio is to use the intensities
at wavelengths where hemoglobin has equally strong absorption.
This has been demonstrated in the detection of atherosclerotic
plaque in vessels42.

A double ratio technique can be used to determine the con-
centration of an exogenous fluorophore from fluorescence mea-
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surements43;44. Two excitation wavelengths are used, and the
same two fluorescence wavelengths are detected for each excita-
tion source and a double intensity ratio is calculated. This double
ratio has shown to be independent of optical properties.

There exist several different methods to calculate correction
factors to retrieve the intrinsic fluorescence spectrum. The influ-
ences of optical properties in the fluorescence spectrum can be
taken care of by performing combined reflectance and fluorescence
measurements. Using a white-light reflectance measurement the
optical properties can be determined at both the excitation and
the fluorescence emission wavelengths.

Müller et al. used a photon migration model to remove the
effects of optical properties of the acquired fluorescence spectra45.
An expression for the intrinsic fluorescence is based on both fluo-
rescence measurement and measured reflectance at the excitation
and emission wavelengths. The intrinsic fluorescence spectra of
both tissue phantoms and in vivo tissue were recovered with good
accuracy. Finlay et al. demonstrated a method combining re-
flectance and fluorescence measurements, by which they were able
to recover the intrinsic fluorescence46. However, they have also
shown promising results when estimating the optical properties as
well as the intrinsic fluorescence by fitting a number of basis spec-
tra to a single fluorescence measurement46. A drawback with this
last method, when using the method for in vivo measurements,
is that the basis spectra of all involved fluorophores have to be
known.

3.6.2 Illumination-detection geometry

It is not only tissue optical properties that can affect the spec-
tral shape and intensity of the detected fluorescence, but also the
detection geometry, or rather the combination of these two.

A fiber optic probe for fluorescence measurements can be con-
structed in two different ways. One alternative utilizes one single
fiber for both delivering the excitation light and to collect emitted
fluorescence light. The second way is to use one fiber for deliv-
ering excitation light and another fiber for collection of emitted
light, where these two fibers are separated a distance L from each
other.

L

Figure 3.7. Larger separation
between the delivery and
collection fibers probe fluorescence
emitted from deeper structures.

As the fiber diameter increases in the case of a single fiber
probe or the distance between the delivery and collection fibers
increases in the case of two fibers, fluorescence originating from
deeper structures in the tissue can be probed. This is due to that
a photon generated deeper in the tissue will in general arrive at
a larger lateral distance from the delivering fiber at the surface47,
as shown in Figure 3.7.

The intensity of the detected fluorescence light will decrease
as the distance between the delivery and collection fiber increases.
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The intensity also decreases with increased absorption in tissue. A
spectral shift will be introduced if the absorption is wavelength-
dependent. This is more pronounced at large source-detector sep-
arations due to a longer mean path length of the photons48.

Scattering in tissue also affects the intensity of the detected
light. When the separation between the delivery and collection
fibers is inside the pivot point, mentioned in Section 2.6.2, a higher
intensity will be detected with higher scattering compared to lower
scattering. This is due to that the distribution of the excitation
light is confined closer to the tip of the excitation fiber when the
scattering is high. Hence the spatial distribution of the fluore-
scence light appears to be broadened inside the pivot point49, as
illustrated in Figure 3.8. At fiber separations outside of the pivot
point less fluorescence light will be detected since less light man-
age to diffuse all the way to the collection fiber when scattering
increases. The intermediate distance where the detected intensity
is invariant with respect to scattering defines the pivot point15.

μ′

s
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Figure 3.8. Higher scattering
widens the distribution of the
excitation light, and therefore also
the fluorescence light. This
provides the possibility to detect
the fluorescence light at further
distances from the excitation
fiber.

When an imaging approach is used geometrical effects such
as non-uniform distribution of the excitation light and incident
and emission angles need to be corrected for in the acquired fluo-
rescence images. This has been done by forming a ratio of de-
tected fluorescence and detected diffuse reflectance since both are
affected by the same geometrical factors50. Different approaches
to this correction method have been used, either dividing the fluo-
rescence by the diffuse reflectance at the excitation wavelength51,
i.e. F (λ)/R(λexc), or by dividing the fluorescence by the diffuse
reflectance at the corresponding wavelength50, F (λ)/R(λ).

3.7 Depth estimation through fluorescence

measurements

In Papers i–ii we investigated the depth-dependence of a ratio
between the intensities at two fluorescence wavelengths, selected
where tissue shows significant differences in optical properties. The
fluorescence light at these two wavelengths will therefore be differ-
ently attenuated during the passage from the source of fluorescence
to the surface. Other groups have also used fluorescence measure-
ments in order to obtain depth information of an embedded object,
Figure 3.9.

?

Figure 3.9. Determination of the
depth of a fluorescent inclusion.

Stasic et al.52 performed spatially resolved fluorescence mea-
surements, Figure 3.7, and simulations of a layered structure. The
aim was to determine the depth of the boundary between an up-
per layer containing no fluorophore and a second bottom layer
containing a fluorophore. This could for instance represent a skin
treatment by light where an administered exogenous fluorophore
photobleaches during treatment, i.e. increasing the depth of the
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boundary. Accurate results were obtained to depths of the bound-
ary of less than 3 mm, which may be sufficient for skin applications.

Another example of acquiring the depth of a fluorophore is the
work presented by Eidsath et al., with the aim to simulate the
detection of lymphatic sentinel nodes in cancer patients. In this
work experimental results from tissue phantoms were compared
to a theoretical photon migration model based on random walk
theory53.

3.8 Clinical applications of fluorescence

spectroscopy

Fluorescence spectroscopy is applied in several clinical applications
for tissue diagnosis. In this section some interesting application
areas will be discussed.

Delineation of skin tumors, for example basal cell carcinomas
(BCCs), are well suited for fluorescence spectroscopy since the skin
is easily reachable for fluorescence detection systems54. Some-
times it can be difficult to visualize the borders of tumors with the
naked eye, and in those cases fluorescence imaging can provide ad-
ditional information55–57. Some of the imaging systems developed
use fluorescence both from endogenous molecules and exogenously
administered compounds to increase the sensitivity and/or speci-
ficity of the diagnostics. The fluorescence intensity is studied in
two to three different wavelength bands, and the intensities at
these wavelengths are compared to provide information on which
pixels that correspond to healthy or diseased tissue. In Paper viii

fluorescence spectroscopy was utilized to study the demarcation
of tumors with a new photosensitizer formulation in connection to
PDT.

Another field where fluorescence imaging is used is in tumor
detection in lungs and larynx, often referred to as light-induced
fluorescence endoscopy (LIFE)58–60. To visualize these kinds of
tissues, the imaging modality needs to be compatible with endo-
scopes used to reach the organs. There are commercial imaging
systems available. Often only autofluorescence from the tissue is
studied, but sometimes also a fluorescent tumor marker is used.
These systems are important because they can detect and localize
tumors in early stages. When working with vocal cords, for exam-
ple, the delineation of tumors is crucial as the physician does not
want to remove too much of the tissue, because that affects the
voice of the patient in a negative way.

Fluorescence spectroscopy is also used for detection of cancer
and precancers in the uterine cervix29;61;62. An instrument, called
Hyper-Spectral Diagnostic Imaging (HSDI�), developed by the
company Science and Technology International (USA), has been
used to detect early cervical malignancies. The instrument uses
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excitation light at 365 nm and detects autofluorescence from the
cervix in the range 420–760 nm63.



Chapter 4

Photodynamic therapy and

pharmacokinetics of photosensitizers

Photodynamic therapy (PDT) is a light-induced modality for local
treatment of tumors64. This chapter will give an introduction to
what parameters are important for PDT, especially factors con-
cerning the administered photosensitizer. The pharmacokinetics
of the photosensitizer Temoporfin have been investigated in Pa-
pers vi–vii. In Paper viii the results from a clinical PDT study
is presented. At the end of this chapter a possible concept of how
to measure temperature during PDT is described, related to the
work in Paper ix.

4.1 Photodynamic therapy

Three components are required to induce damage to the tumor
cells with PDT: the presence of a photosensitizing drug and oxy-
gen, as well as light of appropriate wavelength, see Figure 4.1.
The photosensitizing drug can be administered to the patient in
different ways. With systemic administration the drug is injected
intravenously or intraperitonaly, but can also be given orally. An-
other administration route is topical application of the drug.

photosensitizer

light

O2

Figure 4.1. Three components are
needed in PDT: photosensitizer,
light and oxygen.

After the administration, the photosensitizer most often accu-
mulates to a higher degree in tumor compared to normal tissue,
leading to a selectivity of the drug in tumor tissue. This accumu-
lation can take hours to days depending on the kind of photosen-
sitizer used and the target tissue location.

The area, consisting of the tumor and its closest surroundings,
is then illuminated with light that matches an absorption peak of
the photosensitizer. Different light sources can be used, e.g. lasers
and light-emitting diodes. Light penetrates through tissue and

21
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typically therapeutic light at 635 nm gives an adequate light dose
down to 3 mm in skin65. The photosensitizer molecules are excited
by the light and in turn these molecules can transfer their excess
energy to other molecules in their surrounding initiating chemical
reactions. These reactions result in tumor cell death. The primary
effects leading to cell damage can be divided into two mechanisms
called Type I and Type II reactions, respectively, see Figure 4.2.

Type I reactions lead to an interaction between the excited pho-
tosensitizer and either a substrate, for instance a cell membrane,
or a molecule in the tissue, leading to the formation of free radicals
through hydrogen or electron transfer66. In turn these radicals can
react with oxygen and produce reactive oxygen species66.

In Type II reactions, energy is transferred from the excited pho-
tosensitizer to an oxygen molecule, where oxygen is excited into a
very reactive singlet state67. After this interaction, the photosensi-
tizer molecule returns to its ground state and can again be excited
by the therapeutic light. Singlet oxygen can react with cellular
components as e.g. proteins, nucleic acids, leading to the damage
of function and structure of the cell. As the lifetime of singlet oxy-
gen in tissue is very short68, the diffusion path of these molecules
becomes very limited. Therefore, the damage to the intracellular
targets is close to where the photosensitizer was excited.

Type I Type II

Excited PS

Radicals 1O2

1O2

Products of oxidation

Figure 4.2. Type I and Type II
reactions involved in PDT.

Photobleaching is the phenomenon in which the produced sin-
glet oxygen and other reactive oxygen species react and oxidize
the photosensitizer molecules. When this occurs, the number of
photosensitizer molecules are reduced and the efficacy of PDT is
diminished. The effect of photobleaching has been investigated for
PDT after topical application of the precursor δ-aminolevulinic
acid (ALA) in animal models69;70 as well as in patients71. These
studies indicate a higher photobleaching rate when using a lower
fluence rate of the treatment light, since it gives less depletion of
oxygen. Monitoring of the photobleaching process during PDT
has been performed in Paper viii.

A favorable property of PDT is that the tumor treatment is
local. The selectivity of the treatment is due to the irradiation
being local, selectivity of drug accumulation and to cancer cells
being more easily damaged compared to normal cells.

Other advantages with PDT is that the method is minimally or
non-invasive, gives good cosmetic results72 and that the treatment
can be repeated73. Two treatment modalities, cryosurgery and
PDT, were compared in the treatment of basal cell carcinomas
(BCCs)72. The result showed that PDT had a shorter healing time
and showed a better cosmetic result compared to cryosurgery. The
treatment outcome were comparable for the two methods.
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4.1.1 Tissue response to PDT

There are mainly three pathways for PDT to induce tumor cell
death. One is the direct cell kill, the second is damage of the mi-
crovascular system supplying the tumor with blood and the third
is activation of the anti-tumor immune system64. It seems that all
these PDT effects are of importance for complete tumor destruc-
tion.

The first pathway is the direct cell kill. Here, cell death can
occur by either necrosis or apoptosis. Apoptosis is referred to as
programmed cell death and can be induced by the PDT proce-
dure. With other words, this means that the cell initiate its own
death, where the nuclear DNA is destroyed and the cell shrinks
without the involvement of the inflammatory system74. However,
it has been stated that malignant cells have an impaired ability to
undergo apoptosis74.

Depending on where in the cell the photosensitizer is localized,
PDT will induce different kind of damages to the cell64. Lipophilic
sensitizers mostly accumulate in the membrane structure of both
the cell and the cell organelles e.g. the mitochondria and endoplas-
matic reticulum. Damage to the membrane occurs rapidly after
the PDT treatment64. Hydrophilic and aggregated sensitizers are
usually taken up by endocytosis and pinocytosis in the cell, after
which they localize within lysosomes and endosomes75;76. During
PDT the hydrophilic sensitizers will be released into the cytosol
and from there the sensitizer can bind to tubulin. Photodamage of
the microtubili occurs, leading to cell death75. Lipophilic sensitiz-
ers have a higher probability to induce cell damage, leading to the
conclusion that membrane structures are more likely to be dam-
aged by the PDT procedure64, and therefore lipophilic sensitizers
are considered as more potent photosensitizers.

The second pathway involves destruction of the vasculature
system of the tumor. It is not only the tumor tissue that can be
enriched by photosensitizer. If the drug is administered systemi-
cally, vascular endothelial cells can also accumulate the sensitizer,
leading to damage of these cells. In turn, this can lead to cell death
in the tissue volume supplied by the vessel as the oxygen delivery
is then destroyed77. At short time intervals after systemic admin-
istration of a drug most of the photosensitizer is located in the
vascular endothelial cells and in tumor cells in close vicinity of the
vessels. At longer time intervals more of the photosensitizer has
been able to diffuse into the cells of the tumor78. As mentioned
earlier the diffusion path of singlet oxygen is very limited. There-
fore, the initial tissue damage is induced where the photosensitizer
is located. As the oxygen supply comes from the vasculature sys-
tem, it would be possible to treat at earlier time points as both the
oxygen and drug are located close to each other and in this way
induce vascular destruction. By using this mechanism a more pro-
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nounced PDT effect was achieved when the PDT procedure was
performed at earlier times after drug delivery in an animal tumor
model with the photosensitizer mTHPC79.

A reduction of the amount of oxygen present in the tissue can
affect the PDT outcome in a negative way. This reduction can be
a result of both the destruction of the tumor microvasculature sys-
tem as well as the oxygen consumption during the PDT process64.
By introducing fractionation of the light delivery, oxygen molecules
can diffuse into the treatment area again80;81. This has shown to
prolong the delay in tumor growth in animal studies80;82.

Finally, the third pathway that lead to tumor destruction is the
immune response initiated by PDT. Often an inflammatory reac-
tion occurs after the PDT procedure and results in an invasion of
leukocytes into the irradiated area due to the immune system83;84.
Examples of leukocytes are neutrophils and macrophages. It has
also been suggested that there is a long-term tumor control due
to that a systemic anti-tumor response is induced after the local
PDT treatment84. This happens as some lymphocytes are acti-
vated through the release of tumor antigens after PDT, and these
lymphocytes can then destroy remaining parts of the tumor and
also prevent the build up of metastases.

4.1.2 Photosensitizers

There exist many different photosensitizers. The early developed
sensitizers are usually referred to as first generation sensitizers.
Among these, heamatoporphyrin derivative (HPD) and Photofrin
can be mentioned. HPD consists of different porphyrins and has
an absorption maximum at 630 nm, which is often used as the
treatment light for PDT. Photofrin is a purified version of HPD
and is one of the most commonly used sensitizers today. However,
there are some problems with these first generation of sensitiz-
ers85;86. They exhibit low extinction coefficients requiring use of
large amounts of the sensitizer and they show a poor selectivity
in tumor tissue. Systemic administration of these sensitizers gives
also an unwanted photosensitivity in the skin lasting for several
weeks.

Properties

Physico-chemical

large molar extinction coefficient

low tendency to aggregate

Photo-physical

high yield of 1O2 generation

Pharmacological

selective targeting

fast clearance

Phototherapeutic

efficient killing of cells

Figure 4.3. Photosensitizer
properties adopted from Jori 87.

To improve the photosensitizers a second generation of sensitiz-
ers was developed with more favorable properties. These sensitiz-
ers have a higher degree of purity, better tumor selectivity, higher
extinction coefficients and a faster clearance86;87. Preferable prop-
erties of photosensitizers used for PDT are given in Figure 4.3.

Example of groups belonging to this second generation of sensi-
tizers are various porphyrin derivatives, phtalocyanines, naphtalo-
cyanines and chlorins.

A commonly used PDT agent precursor is ALA88. This com-
pound exists naturally in the body, where it is a constituent in the
first part of the heme synthesis pathway. After a few steps in the
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heme pathway ALA is converted into the fluorescent compound
Protoporphyrin IX (PpIX), which belongs to the porphyrin group.
PpIX has been shown to be an efficient photosensitizer. The en-
zyme ferrochelatase converts PpIX into the final molecule heme.
Different steps in the heme cycle takes place either in the mitochon-
dria or in the cytosol of the cell. PpIX is formed in the mitochon-
dria. The fluorescence intensity in normal and non-healthy skin
increases with time until it reaches a plateau in the range of 4–14
hours for topical application, whereas maximum PpIX concentra-
tions within skin after systemic administration is approximately
after 3–8 h89. The time used for topical ALA application is usu-
ally 3–8 hours89, overlapping the plateau of PpIX concentration.

The sensitizers mTHPC (generic name Temoporfin) and Benzo-
porphyrin derivative (BPD) are examples of sensitizers within the
chlorin family. mTHPC is one of the most potent sensitizers used
for clinical PDT. One reason for this enhanced potency is the high
extinction coefficient at the treatment wavelength. This enables
the use of a lower drug concentration as well as a lower light dose
compared to when using Photofrin90. When PDT is performed
at short drug-light intervals, mostly blood vessels and vascular en-
dothelial cells are targeted with mTHPC. This induces preferably a
vascular response to PDT79;91, whereas at longer drug-light inter-
vals a higher tumor-to-normal ratio of the sensitizer concentration
is obtained. Pharmacokinetics studies of Temoporfin in a liposo-
mal delivery system has been evaluated in Papers vi–vii. This
Temoporfin formulation has also been used in a first clinical PDT
study (Paper viii).

4.1.3 Selectivity of photosensitizers

The reason for the tumor selectivity is not fully understood for
all photosensitizers. The selectivity depends probably most on the
difference in physiology between tumor and normal tissue. Factors
that could influence the selectivity are for instance tumors having
a leaky microvasculature system, poor lymphatic drainage, low
pH, elevated amount of macrophages and an increased number of
low-density protein receptors92.

There are a few additional factors that may lead to tumor se-
lectivity of PpIX. One example is that the conversion of ALA into
PpIX in the cells is dependent on the enzymatic activity. In all
cells producing heme, there is a negative feedback control on ALA
synthesis. When exogenous ALA is administered to the tissue this
control is bypassed and the porphyrins are allowed to accumulate
as the enzyme is not able to immediately convert all PpIX mole-
cules into heme. Accumulation of PpIX in the tumor cells is also
partly due to a decreased amount of the enzyme ferrochelatase,
leading to lower conversion rate of PpIX into heme88. Another
reason for the build-up of PpIX in superficial skin tumors follow-
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ing topical application of ALA is an increased penetration of ALA
through the damaged epidermis above the tumor, compared to the
non-damaged epidermis above normal tissue88.

The intracellular localization of the sensitizers also affects the
selective treatment response following PDT irradiation, as has
been described in the Section 4.1.1. Lipophilic sensitizers mainly
target membranes, whereas hydrophilic sensitizers rather localize
in lysosomes and endosomes.

Liver, spleen, kidney and skin are tissue types that are rich in
cells from the reticuloendothelial system, e.g. macrophages. Al-
though these tissues are healthy, they tend to accumulate some
sensitizers. This effect is contributed to the macrophages, as it
has been shown that some photosensitizers accumulate to high
levels in these macrophages. This has for instance been verified in
a mouse model after injection of Photofrin93.

The distribution of the sensitizer within tissue and also the
effect of direct cell kill depends on the proximity of blood vessels to
the tumor cells. The closer the cells are located to a blood vessel,
the larger effect of direct cell kill94. During prolonged topical
application of ALA in a mouse model it has been demonstrated
that ALA enters the circulation and a production of PpIX can be
measured in remote untreated areas of the skin69.

4.1.4 Clinical results

Commonly used photosensitizers in clinical practice are PpIX
(with its precursor ALA or the methylated derivative of ALA,
mALA) and mTHPC. The first PDT treatments of superficial
BCCs and squamous cell carcinomas (SCCs) using topical appli-
cation of ALA were performed in 199095. A complete response
of 79% at a 3 months follow-up were reported when treating 300
patients with superficial BCCs with one single treatment96. An
extensive review on ALA-PDT in clinical applications has been
published by Peng et al.89.

Topical administration of mTHPC was first used in a clinical
PDT study on Bowen’s disease and BCCs in 199997. The applica-
tion time was 24 hours and the complete response was only 32%,
where an explanation to the low response could be the method
of application. Not only superficial areas have been investigated
with mTHPC. When using systemic administration of mTHPC
the drug-light interval is approximately 2–4 days, where patients
are restricted to limited light exposure. Lou et al. showed that
mTHPC-PDT could be used as a salvage method for patients with
recurrent head and neck cancers98. A phase I clinical trial on pan-
creas using mTHPC has been reported99, indicating that PDT
could be an alternative for patients that cannot undergo surgery.
In both these studies, optical fibers delivering the light had to be
inserted into the volume to be treated.
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4.2 Improvements of selectivity and delivery of

photosensitizers

To create an efficient photosensitizer for PDT one alternative is
to separate the photo-physical properties of the photosensitizer
from the properties determining its distribution in tissue. This
can be achieved by incorporating the photosensitizer into a vehicle,
creating a photosensitizer drug delivery system. This provides the
possibility to optimize the photo-physical properties of the drug
and its biodistribution separately.

There are several reasons for creating these delivery systems.
One is to enhance the penetration of the sensitizer following top-
ical application, and another is to increase tumor selectivity. By
increasing the penetration higher concentrations of the sensitizer
is possible at positions far from the application site, while an in-
creased tumor selectivity will result in better treatment discrimi-
nation. Many of the developed second generation photosensitizers
are also lipophilic86, with a high risk of aggregation in aqueous
media. Therefore, it is necessary to incorporate these sensitizers
within a delivery system, to be able to administer these drugs as
efficiently as possible. An important aspect when creating a deliv-
ery system though is that the properties of the sensitizer should
not be negatively altered as it is incorporated into the system.

The challenges to overcome with a delivery system are mani-
fested by for instance a poor outcome of topical PDT of nodular
BCCs. A limiting factor for topical PDT is mainly the penetra-
tion of the drug into the deeper regions of the lesion, rather than
limitations in the light penetration.

Different methods for improving the biodistribution of the pho-
tosensitizer are the use of penetration enhancers, ALA derivatives,
photosensitizers incorporated with liposomes, lipoproteins and an-
tibodies. These are presented in more detail in the following sub-
sections. Especially the case of incorporation the photosensitizer
with liposomes is of interest as the Temoporfin formulation used in
Papers vi–viii consisted of a delivery system based on liposomes.

4.2.1 Penetration enhancers

Different alternatives to improve the penetration of the photosen-
sitizers exist today. An example is the use of Dimethylsulphoxide
(DMSO) together in a cream with ALA for topical application on
skin with underlying tumors in mice100. With the use of DMSO,
the main result is to enhance ALA penetration through skin but
also to increase the endogenous PpIX production. The PpIX pro-
duction increased both in tumor and the overlying skin when using
DMSO, with a slightly larger increase in skin.

In a study performed by Casas et al.101, different vehicles such
as saline, cream, vaseline and liposomes were used for the delivery
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of ALA into a murine subcutaneous adenocarcinoma model. When
using saline as the vehicle, the best PpIX accumulation within the
tumor was accomplished together with higher tumor selectivity.
The addition of DMSO to the saline solution gave similar results
in the penetration of ALA as a saline solution without DMSO.
However, an improved PpIX production in the skin overlying the
tumor and the upper part of the tumor was achieved when DMSO
was added to the saline solution.

4.2.2 ALA derivatives

To enhance tissue penetration it has been suggested to use ALA
derivatives instead of ALA. These derivatives are more lipophilic
compared to ALA, which is a hydrophilic molecule. ALA has diffi-
culties to penetrate through cell membranes, whereas for the deriv-
atives it is easier due to their lipophilic nature. An example is the
comparison of topically applied ALA and 5-aminolevulinic acid
hexylester (h-ALA) for detection of PpIX fluorescence in bladder
cancer patients102. The study showed a 2-fold increase in PpIX
fluorescence using h-ALA compared to ALA even though a signif-
icantly lower concentration of h-ALA was used.
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stratum
corneum

hair

sweat duct

Figure 4.4. The structure of
human skin.

Similar experiments have been performed in mouse skin models
using topical administration of different ALA-esters. These results
did not show, in contradiction to the case with the bladder, higher
PpIX levels using the esters compared to free ALA103;104. In these
studies a possible explanation was the slower penetration of the
esters through the stratum corneum as compared to the pure ALA
compound. Stratum corneum is the top layer of the skin, see
Figure 4.4, and consists mainly of fatty acids and cholesterol. If
an ester is too lipophilic the molecules will be accumulated in this
layer105. This would prevent deeper drug penetration. Removing
the stratum corneum by tape-stripping of the skin has been listed
as an option.

It has been noted that ALA is more likely to enter the circu-
lation compared to its esters following topical application. This
could lead to a photosensitization in remote areas of the tissue106.
This in turn leads to a slower clearance of ALA than for its esters.
Another issue to mention is that the esters need to be cleaved by
specific enzymes, esterases, into ALA to be able to enter the heme
cycle. The enhanced penetration of the ALA-esters does not au-
tomatically mean that there will be more PpIX, as these esterases
act differently in different areas105.

4.2.3 Liposomes

A liposome is a sphere with a lipid bilayer surrounding an aque-
ous interior, see Figure 4.5. An advantage with the liposomes is
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that they can transport both lipophilic and hydrophilic sensitiz-
ers. Lipophilic sensitizers are incorporated in the lipid bilayer,
whereas hydrophilic compounds are kept in the center of the li-
posome. Conventional liposomes usually consists of phospholipids
like phosphatidylcholine107. Cholesterol can also be a constituent
to improve the rigidity of the membrane. This provides good bio-
compatibility as these substances naturally occur in the body86.

Figure 4.5. Liposome consisting of
a lipid bilayer surrounding an
aqueous core.

Especially hydrophobic sensitizers tend to aggregate in aqueous
media. Therefore, incorporation of the sensitizer within liposomes
can have the positive effect to keep the sensitizer in its monomeric
form, which has been shown for cell cultures in vitro 108. This has
the advantage of improving the PDT effect as sensitizers are more
efficient in a monomeric than in an aggregated form. Damoiseau
et al. showed an increased oxygen consumption and decrease in
cell survival with the use of the photosensitizer bacteriochlorin a

incorporated into conventional liposomes108.
Conventional liposomes have a rather short circulation lifetime,

in the order of minutes, leading to low tumor uptake107. Two main
factors are responsible for this. First a lipid exchange between the
liposomes and the lipoproteins leads to the release of the sensi-
tizer in the blood, whereafter the sensitizer quickly attaches to
the lipoproteins. The second factor is that conventional liposomes
are easily recognized by the mononuclear phagocyte system, for
instance by the macrophages, after opsonization of plasma pro-
teins. Macrophages transport the liposomes to tissues with a rich
mononuclear phagocyte system e.g. liver, spleen and lungs. To pro-
long the circulation lifetime of the liposomes and therefore poten-
tially increasing the localization at the target site, an alternative
is to add a specific compound to the liposome as illustrated in Fig-
ure 4.6. A hydrophilic polymer as for instance polyethylene glycol
(PEG) can be used to prevent recognition by the macrophages109.

Figure 4.6. Liposome with PEG
coating.

Incorporation of photosensitizers within liposomes have been
demonstrated in several studies. The use of a liposomal formu-
lation of benzoporphyrin monoacid ring A (BPD-MA) showed a
slight increase in delivery of the drug to the tumor site, and a
more efficient PDT result was achieved compared to an aqueous
solution of BPD110. Higher tumor-to-muscle and tumor-to-skin ra-
tios were obtained with a liposomal delivery of the photosensitizer
hypocrellin A111. Liposomes have also been used to incorporate
ALA, which has shown to give a better synthesis of porphyrin com-
pared to free ALA112. A tumor-to-skin ratio of porphyrin of 30
was obtained after 10 hours in the referred study.

4.2.4 Active targeting with lipoproteins and
antibodies

Active targeting of substances to photosensitizer molecules is a
way to increase tumor selectivity, where these substances can be
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for instance a lipoprotein or an antibody. A molecule that has
some kind of specificity or affinity to a marker on the tumor cells
can be attached to the sensitizer. Sometimes in tumor cells there
is an increased expression of specific antigens compared to normal
cells. Antibodies against these antigens can be linked to the pho-
tosensitizer molecule and a targeted delivery system is created86.
Active targeting of liposome delivery systems has also been used in
order to enhance the selectivity of the sensitizer to tumor tissue107.

Low-density lipoproteins (LDL) transport and deposit
lipophilic photosensitizers to cells with a high expression of LDL
receptors113. Rapidly proliferating cells, as e.g. tumor cells, need a
lot of cholesterol to build membranes. Cholesterol can be obtained
via uptake of LDL via receptor pathway activity. This leads to that
proliferating cells exhibit a large amount of LDL receptors86. The
use of lipoproteins as drug delivery vehicles leads to a selectivity of
the photosensitizer in tumor cells. Lipophilic drugs can be incor-
porated in the lipophilic core of the lipoprotein without changing
the sensitizers physical and biological properties. Another advan-
tage with lipoprotein incorporation is that lipoproteins naturally
exists in the blood. The macrophages will therefore not recognize
the sensitizer-lipoprotein complex, leading to a longer circulation
time. Confirming this, it has been reported of an increased se-
lectivity and cell kill after PDT with BPD-MA incorporated with
LDL as compared to the free formulation114.

4.3 Quantification of photosensitizer

concentration

Several techniques are available to study the pharmacokinetics of
photosensitizers. Optical spectroscopy directly on the tissue of in-
terest is one of the interesting techniques as it can allow in vivo

assessment of the concentration. As most photosensitizers exhibit
fluorescence properties, fluorescence spectroscopy is a promising
alternative. This method usually monitors the superficial quan-
tity of the sensitizer. Absorption spectroscopy is another option
to determine the concentration of a sensitizer. Today, chemical
extraction of excised tissue is considered as gold standard for con-
centration measurements. These three methods were used in Pa-
pers vi–vii for pharmacokinetic studies and will be described in
the following subsections.

4.3.1 Fluorescence studies

Fluorescence spectroscopy is a useful tool in the study of photo-
sensitizer accumulation. The technique as well as different instru-
ments for fluorescence diagnostics have been described in Chap-
ter 3, and will therefore not be repeated in this section.
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Fluorescence spectroscopy is a more sensitive method for deter-
mining the amount of photosensitizer within a sample compared
to absorption spectroscopy. This is due to the fact that in fluo-
rescence the signal is detected on a relatively weak background
signal. The background signal is weak as the detected fluorescence
signal is spectrally separated from the strong excitation light. This
is not the case in absorption measurements. A disadvantage with
fluorescence spectroscopy is that the emitted fluorescence signal
may be sensitive to the chemical environment of the photosensi-
tizer e.g. resulting in changes in intensity and spectral shifts.

Photosensitizers that are in an aggregated form usually are
non-fluorescent and are also less likely to be involved in the PDT
procedure. Absorption spectroscopy may wrongly include these
aggregated forms68.

4.3.2 Absorption spectroscopy

Absorption spectroscopy has the potential to measure the con-
centration of a photosensitizer by studying the absorption after
white-light illumination of tissue. If there is a photosensitizer in
the tissue, there will be an imprint in the acquired absorption
spectrum at the wavelengths where the sensitizer exhibits absorp-
tion peaks. In Figure 4.7 differences in transmission spectra from
normal and tumor tissue can be seen. The dip at 650 nm corre-
sponds to absorption due to mTHPC, reflecting a higher sensitizer
concentration within tumor tissue as compared to normal tissue.
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Figure 4.7. Transmission spectra
of a sensitizer acquired from
normal and tumor tissue.

Absorption spectroscopy has been used to determine sensi-
tizer concentration in prostate tissue using the sensitizer Motexafin
lutetium (MLu)115. With absorption spectroscopy it is not only
the sensitizer concentration that can be determined, but also the
concentration of other compounds in the tissue, e.g. hemoglobin.
Absorption spectroscopy of chemotherapy drugs has been per-
formed in an in vivo animal model23. An instrument similar to the
one in the mentioned study, was used in Paper vi for determination
of mTHPC concentration in tissue.

To be able to determine the sensitizer concentration correctly it
is preferable that the sensitizer does not absorb in the same wave-
length bands as hemoglobin and water. The evaluation becomes
much more difficult in such cases.

As has been noted in Paper vi, where absorption spectroscopy
was performed in an animal tumor model to study the pharma-
cokinetics of a novel liposomal formulation of Temoporfin, it is
necessary to take into account the effect of fluorescence in the eval-
uation of the absorption spectrum. If the sensitizer is a strongly
fluorescing compound this is of importance in the evaluation of the
absorption.
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4.3.3 Chemical extraction

In assessment of the concentration of a substance in tissue by chem-
ical extraction, the sample needs to be minced and dissolved in
some liquid. High performance liquid chromatography (HPLC)
can then be used to separate the compounds that exist in the
solution. The separation of compounds can be achieved by differ-
ent means, e.g. they can be separated due to their size or charge.
Determination of the concentration can be accomplished with fluo-
rescence or absorption measurements.

4.4 Interstitial photodynamic therapy and

temperature monitoring

One limitation with superficial PDT illumination is that it provides
good results only for superficial and thin tumors, due to both the
limited light penetration and the limited drug penetration when
applied topically. A way to treat deeper-lying and thicker tumors
is to insert optical fibers into the tumor mass and deliver the treat-
ment light through these fibers. This extension of PDT is called
interstitial photodynamic therapy (IPDT). The concept is illus-
trated in Figure 4.8. The IPDT system described by Soto Thomp-
son et al.116 has been used for the temperature measurements in
Paper ix.

optical fibers

tissue

tumor

Figure 4.8. The concept of IPDT,
where optical fibers are inserted
into the tumor.

During PDT with high light flux the tissue temperature may
rise due to absorption of light. Tissue temperature during photo-
irradiation depends on several factors such as the tissue optical
properties, thermal conductivity and the blood vasculature sys-
tem117. It is also known that the scattering coefficient is in-
creased for temperatures high enough to cause protein coagula-
tion118;119. The absorption coefficient behaves more ambivalently,
where both an increase and decrease with temperature have been
reported118;119. These alterations result in a decrease in optical
penetration depth when higher temperatures are reached. This
change in optical properties and penetration depth occurs mainly
between 50–65◦C. Above 65◦C no significant changes are seen118.

When delivering light during a photodynamic treatment ses-
sion tissue may be heated to such a degree as to cause thermal
damage. It may thus be of importance to monitor the tempera-
ture during the treatment to understand whether the damage is
of photodynamic or thermal character. An abrupt temperature
increase during an IPDT session could for instance be an indica-
tion of a bleeding in the proximity of the tip of the fiber used in
the treatment, resulting in a decreased light penetration and treat-
ment efficiency. By monitoring the temperature a bleeding can be
detected providing a possibility to rearrange the fiber.

Another application where temperature control could be of in-
terest is when PDT of tumors is performed in combination with



Photodynamic therapy and pharmacokinetics of photosensitizers 33

hyperthermia. Temperatures in the range of about 41–47◦C de-
fines hyperthermia120. Tumor tissue seems to be slightly more
sensitive to heat compared to healthy tissue in the range 42–44◦C.
The combination of PDT and hyperthermia has shown to improve
the treatment outcome121;122. During the treatment the temper-
ature in the tumor is raised to 43–44◦C. Hyperthermia can be
applied simultaneously or directly after the PDT treatment. The
temperature needs to be monitored during the entire treatment to
ensure that and to what extent hyperthermia is present.

There are different techniques to measure the temperature in
tissue. Small temperature devices that can be inserted into tissue
during treatments are e.g. thermistors120 and thermocouples. If
a larger area is to be monitored an infrared camera is a better
alternative. The use of an infrared camera has been used to study
the temperature during superficial PDT on skin123. Alternatively,
crystals, doped with some specific ions that emit temperature de-
pendent fluorescence, can be used to measure the temperature op-
tically. Crystals doped with rare-earth ions are commonly used for
temperature measurements124.

4.4.1 Doped crystals

The optical technique to measure temperature, used in Paper ix,
is based on the method where the fluorescence from crystals doped
with Cr3+-ions shows a temperature behavior. Examples of such
crystals are Alexandrite, Cr:YAG, Ruby and Cr:LiSAF. All these
crystals have different temperature sensitivity in different temper-
ature regions, and therefore it is important to choose the right
crystal for each application125.

Fiber

Crystal Glue

Figure 4.9. A fiber with a small
piece of crystal glued to the tip of
the fiber.

Cr3+-doped crystals are a good choice in the case of monitor-
ing temperature during IPDT, because the Cr3+-doped crystals
can be excited at 635 nm. This particular wavelength is used for
the treatment light during IPDT treatments when PpIX is used
as a photosensitizer. The temperature can be measured in a spot
where the fluence is high if a small piece of the crystal is attached
to the fiber tip where the treatment light is delivered, see Fig-
ure 4.9. No other objects than the IPDT treatment fibers have to
be inserted into the tissue. Another benefit is that the tempera-
ture is measured directly at the fiber tip, compared to a thermistor
that would measure the temperature at a small distance from the
region with the highest light fluence.

4.4.2 Temperature measurements with doped
crystals

A way to determine the temperature of the crystal is to measure
the intensity of the emitted fluorescence after excitation125. Ac-
cording to the Boltzmann’s distribution, the number of atoms in a
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specific electronic state is dependent on the temperature and the
energy difference between two electronic states. At room temper-
ature most atoms are in the ground state, but as the temperature
increases more atoms will populate higher states.

As the temperature in the tissue changes, the shape of the
fluorescence emitted from the crystal is affected, see Figure 4.10.
Fluorescence spectra are shown for three different temperatures
measured through a fiber with a Cr3+-doped Alexandrite crystal
attached to the tip. The fiber was placed in Intralipid that was
slowly heated. The temperature in the Intralipid was determined
by a thermistor in close contact to the fiber with the attached
crystal.
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Figure 4.10. The fluorescence
spectrum changes when the
temperature increases.

A ratio can be calculated by dividing the intensities measured
in two different wavelength regions, where the temperature has in-
fluenced the emitted fluorescence. The ratio, γ, is then calculated
for several temperatures using Eq. 4.1 to build a calibration curve.

γ(temperature) =
I(λ1)

I(λ2)
, (4.1)

where I(λ1) and I(λ2) are the fluorescence intensities in the two
wavelength bands, respectively. In the data presented in Paper ix

these wavelength intervals were 675–683 and 698-706 nm, respec-
tively.

Each fiber with an attached crystal needs to be treated individ-
ually and is required to be calibrated once. An advantage of using
fluorescence intensity measurements is that the instrumentation is
relatively simple, in principle only consisting of a light source and
a spectrometer. One disadvantage is that background fluorescence
from other fluorophores in the tissue, such as the sensitizer itself,
can influence the temperature measurements, if it is emitted in the
same wavelength region as the fluorescence from the crystal.

ϕ

Figure 4.11. Modulated light
source for lifetime measurements
of the induced fluorescence. A
phase shift, ϕ, appears between
the incoming light (black) and the
fluorescence light (gray).

Another alternative is to measure the fluorescence lifetime of
the crystal126, in this case the light source used to induce fluore-
scence needs to be modulated. One option is to use a sinusoidally
modulated light source as illustrated in Figure 4.11. The emitted
fluorescence light will also be modulated, but lagging the excita-
tion light, and thereby introducing a phase-shift. The fluorescence
lifetime is calculated with Eq. 4.2.

tan ϕ = τω , (4.2)

where ϕ is the measured phase difference between the laser source
and the induced fluorescence light, ω is the angular frequency of
the modulated signal and τ is the fluorescence lifetime125. The
fluorescence lifetime is calculated for several temperatures and a
calibration curve can be constructed. The limitation when mea-
suring the fluorescence lifetime is the need for more complicated
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instrumentation, but has the advantage that the temperature de-
pendence is more robust due to a decreased sensitivity to back-
ground signals, for example room light, that interfere with the
measurements. The lifetime of the autofluorescence is in the order
of ns, while the fluorescence lifetime of the doped crystals are in
the range of μs–ms. The difference in lifetime will prevent autoflu-
orescence from disturbing the measurements of the fluorescence
lifetimes of the crystal.





Chapter 5

Molecular imaging

Molecular imaging is a multidisciplinary field that visualizes and
quantifies biological processes at cellular and subcellular levels in

vivo 127. The goal with molecular imaging is to be able to moni-
tor specific molecules and cellular processes in vivo that provide
information about biological phenomena in the cells. The idea
with molecular imaging is not primarily to resolve the molecules
or cells of interest. The aim is instead often to detect the signals
from the marked molecules in vivo in the scope of cells to whole
animals with the techniques used in molecular imaging together
with probes acting as contrast agents, see Figure 5.1.

Figure 5.1. Molecular interaction
resulting in a detectable signal.

There exist various applications where molecular imaging pro-
vides important tools in the research of diseases. In the case of
cancer diagnostics molecular imaging can be used for detection
and treatment of malignant tumors in an early stage. The spread-
ing of metastatic lesions can also be monitored. Molecular imaging
can furthermore be applied in the study of neurodegenerative128

and auto-immune diseases129. Nuclear and optical imaging tech-
niques have been used in the case of rheumatoid arthritis diagnosis
by monitoring inflammatory cells129. Visualization of the treat-
ment response in the joints affected by rheumatoid arthritis has
also been demonstrated.

Molecular imaging provides the possibility to perform long-
term studies of animals in vivo without the need to sacrifice the
animals. This could e.g. be utilized when studying treatment re-
sponses and in drug development, where the effect the drug has
on the cells could be monitored130.

Specific probes that only emit signals when attached to the
molecules of interest in the cells, are highly desirable when moni-
toring cellular processes. An important task in the development of
powerful molecular imaging techniques is the development of such
probes. Probes used in fluorescence measurements can be more

37
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or less complicated, ranging from common fluorophores, that fluo-
resce wherever and whenever excitation light is present, to fluores-
cent proteins that can be produced by gene-manipulated cells and
to the newest developed probes based on quantum dots. Probes
emitting fluorescence in the red or NIR region are favorable. The
signal originating from the fluorophore is easier to detect because
the tissue autofluorescence is rather weak in this wavelength re-
gion and light with longer wavelengths penetrate deeper into the
tissue. Techniques to detect the emitted signal from the probes
in combination with evaluation algorithms can be used in order
to find the spatial location, i.e. the concentration distribution, of
fluorescence-marked lesions inside tissue. A long term goal is to
adopt molecular imaging techniques into a clinical environment to
image human diseases.

This chapter is mainly devoted to the use of optical techniques
in molecular imaging, but other techniques as well as the descrip-
tion of molecular probes are also presented in this chapter as an
introduction to the field of molecular imaging. The fluorescence
intensity ratio, showing a depth dependence due to differences in
tissue optical properties, evaluated in Papers i–iii, has been sug-
gested to be used as additional information in fluorescence tomog-
raphy reconstruction in Paper iv. This could in future studies
be used within molecular imaging for detection of signals from
e.g. fluorescent proteins in order to study diseases.

5.1 Optical activatable probes

As mentioned in the introduction, a molecular probe is necessary
in the cell or animal that is about to be imaged. Desirable prop-
erties of these molecular probes are that the probe is very specific
in its uptake and has a preferentially high biodistribution to the
target. These probes often consist of three different parts, see Fig-
ure 5.2. First there is an affinity component that interacts with

fluorochrome

affinity component

delivery vehicle

Figure 5.2. Parts of a fluorescent
molecular probe.

the target, which can be a cell, protein or some other molecule.
The second component is often a fluorochrome that emits a de-
tectable signal. A delivery vehicle can also be used to get a more
favorable biodistribution. The different molecular probes can be
divided into three categories: non-specific, specific and activatable
probes127;131;132. However, the toxicity of molecular probes needs
to be studied in more detail before they could possibly be used for
human applications.

5.1.1 Non-specific probes

Non-specific probes do not have a specific target and can therefore
not be used to study molecular or cellular processes127. These
non-specific probes are instead used in the study of physiologi-
cal processes, like changes in blood flow and blood perfusion as
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illustrated in Figure 5.3. Fluorochromes that are good to use in
fluorescence studies are Fluorescein and Cyanine dyes, because
they have a high extinction coefficient and absorb and fluoresce
in the range from visible to the NIR region. One example of a
non-specific probe approved for clinical use is the fluorochrome
indocyanine green, which emits in the NIR region.

Figure 5.3. The concept of a
non-specific probe that can be
used to study changes in blood
flow. The probe fluoresces inside a
blood vessel.

5.1.2 Specific probes

The Cyanine dyes can be made more specific to attach to certain
targets in the cells. A specific probe consists of an affinity ligand,
which can be an antibody or another substrate that can interact
with specific parts inside the cell or attach to specific cells, see Fig-
ure 5.4. This interaction allows specific biological structures to be
imaged131. One disadvantage with the specific probes is that the
probes fluoresce even though they have not reached their target.
This makes it more difficult to detect the probes that are actually
attached to their targets, due to a low signal-to-background ratio.
With a high binding affinity one can, however, wait until most of
the non-bound fluorescing molecules have been cleared from the
circulation132.

Figure 5.4. Specific molecular
probes that target special cells.5.1.3 Activatable probes

The activatable probes are also called smart probes or beacons.
The great advantage with these smart probes is that a signal is
not emitted until the probe finds and is attached to its target,
see Figure 5.5. The smart probe often consists of one fluorophore
and one quencher at each end of a single DNA strand. As the
probe has not found its target, the DNA strand is formed like a
hairpin, which means that the fluorophore and the quencher are
very close to each other. The quencher prohibit the fluorophore to
fluoresce. When the probe reaches its target, e.g. a specific enzyme
will unfold the DNA strand. The quencher and the fluorophore
are then separated, and the fluorophore emits light that can be
detected127;131. Smart probes have been developed to fluoresce in
the NIR region, which is favorable133.

Figure 5.5. A smart molecular
probe only emits fluorescence
when it finds and is attached to
its target.

5.1.4 Fluorescent proteins

Fluorescent proteins is a special class of fluorescent probes. They
are produced by gene-manipulated cells. The gene coding for a
fluorescent protein can be linked to the genes of the proteins of
interest. When the proteins of interest are expressed they are
automatically fluorescent.

A commonly used fluorescent protein is the green fluorescent
protein (GFP)131;134. GFP has been found naturally in different
species, for example the jelly fish Aequorea victoria. The name
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GFP comes from the fluorescence emitted by the fluorescent pro-
tein being green. Whole-body imaging of mice has been performed
to study GFP-expressing tumor cells, both how the tumor is grow-
ing and how the metastases are spread in several organs135.

Other varieties of fluorescent proteins have been found or mod-
ified from GFP to change the spectral region of the fluorescent
proteins. There are many different varieties, where cyan-shifted
proteins (CFPs) and yellow-shifted proteins (YFPs) could be men-
tioned. A red-shifted fluorescent protein called DsRed has been
isolated from corals. Most of the fluorescent proteins emit in the
visible wavelength region, providing a low penetration depth of
light and a strong influence of tissue autofluorescence. A list of
available modified fluorescent proteins136 emitting in the red are
given in Figure 5.6. It is also possible to use multiple fluorescent
proteins for labelling and imaging of different targets.

Protein Emission (nm)

mCitrine 529

mOrange 562

mStrawberry 596

mCherry 610

mPlum 649

Figure 5.6. List of red-shifted
fluorescent proteins, where “m”
stands for monomer.

5.1.5 Quantum dots

Another interesting group of fluorescent probes used for molecular
imaging is quantum dots137;138. Quantum dots are semiconductor
crystals with sizes of a few nanometers. The size of the quantum
dots can be varied as the size affects the absorption and emis-
sion properties. Today the existing dots fluoresce from the visible
region to the NIR region. There are some advantages with the
quantum dots compared to other fluorescent probes. They often
have a broad absorption spectrum, but the emission is in a narrow
wavelength region. This is a very attractive feature when studying
multiple quantum dots with separated emission bands, as the same
excitation source can be used throughout the measurements139.
Another advantage is that the dot is rather photostable, making it
possible to use it to study processes during a longer time period.
They are also very bright and can be tagged to target molecules.

5.2 Molecular imaging techniques

Today there are several different imaging techniques used within
the field of molecular imaging. A number of utilized techniques are
positron emission tomography (PET), single photon emission com-
puted tomography (SPECT), computed tomography (CT), mag-
netic resonance imaging (MRI) and different optical imaging tech-
niques127;140. Optical imaging methods will be discussed in Sec-
tion 5.3.

PET is a technique where biological molecules have been
marked with isotopes, e.g. 15O and 18F, that emit positrons as
they decay. Subsequently a positron and an electron collide and
two γ-rays at 511 keV are emitted in opposite directions and can
then be detected at the same time. By studying the intersection of
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the lines produced by the γ-rays in a detector utilizing specific al-
gorithms, the location of the γ-ray emission can be reconstructed.
SPECT is also a technique where γ-rays are detected with a rotat-
ing gamma camera in multiple directions. The radionuclides used
are for example 123I and 99mTc, each emitting one γ-ray.

In CT detection of transmitted X-rays from a narrow beam can
be used to image a thin cross-section of a body. The X-ray source
and detector are rotated around the specimen to detect X-rays in
several projections to reconstruct the 3D internal structure of the
tissue. An imaging contrast agent can be administered to be able
to detect tumors, as soft tissue can be difficult to study with CT.

MRI is an imaging technique that provides images with differ-
ent contrast for various tissue types, due to different environments
of protons in the tissue. Protons, which are the nuclei in hydrogen
atoms, normally have random nuclear spin orientations. In the
presence of a strong magnetic field, the protons become aligned to
the magnetic field. A radio signal flips the nuclear spins and they
emit signals when they reorient parallell to the field. These signals
are picked up by sensitive detectors. The difference in magnetic
shielding of protons in various molecules permits reconstruction of
an image of the tissue types present. It is also possible to image
the relaxation time instead of imaging the amount of protons in
the tissue, as the relaxation time can be different in tumors and
normal tissue.

Advantages and disadvantages with these mentioned tech-
niques as well as optical methods are given in Figure 5.7.

Imaging techniques

PET/SPECT

+ high sensitivity for probe detection

– low resolution

– radioactivity

CT

+ high resolution

– ionizing radiation

MRI

+ high resolution

+ functional and anatomical imaging

– slow, high cost

Optical/Fluorescence

+ high sensitivity for probe detection

+ fast, low cost

– low resolution

Figure 5.7. Table of pros and cons
with molecular imaging
techniques.

5.3 Optical imaging techniques

Optical imaging techniques are based on the detection of light
and are more related to the work presented in this thesis. Ex-
amples of optical techniques are: bioluminescence imaging, planar
fluorescence imaging, optical tomography, fluorescence mediated
tomography and fluorescence lifetime imaging. Tomography will
be discussed in Section 5.4.

5.3.1 Bioluminescence imaging

Bioluminescence is a phenomenon where light is emitted from cer-
tain species, for example fire-flies and certain bacteria140;141. The
light can be emitted as a communication or as an attraction to
other species. Luciferin is the name of light emitting pigments
that are found in the above mentioned species. When luciferin is
oxidized by a certain enzyme, a luciferase, photons are emitted.
The emission of light occurs when the reaction takes place and
no external excitation light source is needed. The components in
the process is illustrated in Figure 5.8. The terms luciferin and
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luciferase are not the names of specific molecules, instead they re-
fer to a substrate and its associated enzyme, which catalyzes the
bioluminescence process. Genes that express a luciferase can be
inserted into tumor cells in organisms. When a luciferin is present
light will be emitted if luciferase has been expressed and the chem-
ical reaction has taken place. Bioluminescence has been used to
study tumor cell growth. The emitted light is often blue–green,
allowing imaging of only superficial tissue. The advantage with
bioluminescence is that there is no background tissue fluorescence
that can disturb the studied weak signal.

luciferin
+
energy

+

luciferase
+
oxygen

Figure 5.8. Bioluminescence
process. 5.3.2 Planar fluorescence imaging

With a planar fluorescence imaging technique the emitted fluore-
scence from an object is usually detected with a sensitive CCD
camera142. Both reflection and transmission geometries can be
employed, but the reflection geometry is most commonly used be-
cause the thickness and the optical properties of the sample in-
fluence the amount of transmitted light. However, in a reflection
geometry the measurements are more sensitive to tissue autofluo-
rescence143. This technique usually becomes rather limited when
fluorescence from deeper structures are to be measured as the fluo-
rescence is non-linearly dependent on e.g. depth and optical prop-
erties. Therefore, these measurements are often restricted to su-
perficially located structures. The measured signal is more difficult
to interpret as the emitted fluorescence from a small deep-lying ob-
ject and a larger more shallow object will appear similar on the
tissue surface, see Figure 5.9. This is due to the scattering prop-
erties in tissue.

Figure 5.9. The detected
fluorescence signal is similar for a
larger object placed more shallow
and a small deep-lying object.

5.3.3 Fluorescence lifetime imaging

Another fluorescence technique is to image the fluorescence lifetime
of a fluorophore inside an object144. The fluorescence lifetime of
a fluorophore is dependent on the micro-environment and changes
in lifetime can be due to differences in chemical interactions due
to the binding site of the fluorophore, fluorescence resonance en-
ergy transfer (FRET) or pH145. Also blood flow and temperature
can influence the lifetime. Therefore, it may be possible to study
the functional status of for example a tumor. Fluorescence life-
time imaging has been performed in vivo in mice and the results
showed a small difference in lifetime of NIR-fluorochromes located
in tumor and liver, separating the two tissue environments146.

5.4 Optical tomography

Optical tomography is a non-linear reconstruction method to im-
age objects inside tissue from optical measurements in several pro-
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jections. The goal is to reconstruct the distribution of absorption
and scattering properties in tissue. The light intensity detected in
the different projections depends non-linearly on the optical prop-
erties of the tissue and the distance travelled by the light to the
detection site.

Reconstruction of objects, obtained with optical tomography,
is a more difficult problem compared to X-ray methods like CT.
X-rays follow a straight line through the sample, and the attenu-
ation due to absorption is measured in several projections. Light
of optical frequencies is not only absorbed but also scattered in
the tissue, meaning that each projection probes almost the entire
volume.

When studying diffuse light the term diffuse optical tomog-
raphy (DOT) is often used. DOT has been used to reconstruct
images of the oxygenation and blood volume in neonatal brains147

and in optical mammography to find lesions inside breast tissue148.

Start values

Forward model

Predicted image

Match?

Final image

Experi-
mental
image

Update
optical
properties

No

Yes

Figure 5.10. Flow-chart showing
the algorithm used to solve the
non-linear inverse problem in
optical tomography.

Figure 5.10 shows a schematic diagram of how a reconstruc-
tion algorithm in optical tomography can be implemented. The
reconstruction is started with an initial guess of the sought optical
properties inside the tissue. With the use of a forward model the
light distribution is modelled inside the tissue and the detector
readings for the projections are predicted. These predicted values
and the values obtained from the real measurements are compared.
If there is no match, the optical properties of tissue are updated
with some optimization algorithm, which often involves trying to
calculate the derivative of the simulated values when small changes
in the optical properties are applied. The inverse problem is to find
the optimal choice of the changes in optical properties. The pro-
cedure is repeated until the difference between the predicted and
measured values is sufficiently small, then the reconstruction of
the tissue has been accomplished149. A more detailed description
about the forward problem and the reconstruction is given below.

Forward problem

The diffusion approximation is often used to model light transport
in tissue in the forward problem. This approximation is valid for
most tissues where μ′

s � μa. To solve the diffusion approxima-
tion mainly two techniques are utilized150;151. Green’s functions
are analytical solutions to the diffusion approximation in an in-
finite medium. This strategy is straight forward for very simple
geometries. However, if more complex geometries with inhomo-
geneous distribution of optical properties are to be modelled, the
finite element method (FEM) can be used.

In highly absorbing tissue, e.g. in liver, and when the source-
detector separation is small the diffusion approximation breaks
down and another forward model is required. This is also the case
when there are non-diffusive regions, for example the cerebrospinal
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fluid, inside the medium to be reconstructed. Then the radiative
transport equation (RTE) can be used to model the light propa-
gation152.

Parameter reconstruction

The forward problem gives y = f(x), where x is a vector of the
parameters to be reconstructed for instance the optical properties
at all voxels in the studied volume, f represents the forward model
and y is a vector containing the output from the forward model
representing the measurements. To reconstruct the parameters it
is necessary to solve the inverse problem, x = f−1(y). If f(x)
is a linear function with respect to x, the forward problem can
be rewritten as the vector equation y = F · x. Usually the num-
ber of unknowns far exceeds the number of measurements, which
makes the equation system highly underdetermined. To obtain
the parameter x the matrix F is inverted using some sort of ma-
trix pseudo-inversion technique.

If the forward model is non-linear with respect to the parame-
ters, then other approaches are considered in the reconstruction.
Sometimes it is possible to perform a linearization150;151, if the
actual parameters x are close to the initial guess x0 and the mea-
surements y are close to the measurements given by the forward
model y0. If y = f(x) is expanded in a Taylor series and only the
two first terms are kept, a linear relation given by Eq. 5.1 is ob-
tained, where J is the Jacobian. This kind of linearization is called
the Born approximation. An example of the Born approximation
in the one-dimensional case is illustrated in Figure 5.11.

y − y0 = J · (x − x0) . (5.1)

y

y0

x0 x
Figure 5.11. Example of a Born
approximation in 1D.

To obtain the change in the parameters, x − x0, J needs to
be inverted. Inversion of the often underdetermined system ma-
trices F and J can be performed with standard inversion methods
like algebraic reconstruction techniques (ART) and singular value
decomposition (SVD)150;151.

If a linearization of the forward problem is not a good enough
approximation, then a full non-linear problem must be solved.
This is achieved by forming an objective function χ, which cap-
tures the errors of the forward model151:

χ = (ymeasured − f(x))2 . (5.2)

The x that minimizes the objective function is the wanted solution.
The minimization can be performed with standard least-squares
methods, e.g. Newton-like methods as the Levenberg-Marqardt al-
gorithm.

Since the problem is ill-conditioned and there always will be
noise in the measurements the inverse often needs to be stabilized.
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This is called regularization151, and the objective function can
then be written in the form:

χ = (ymeasured − f(x))2 − αB2 , (5.3)

where α is a regularization weight and B represents the difference
between the intermediate solution x and some prior information.
When the term (ymeasured − f(x))2 is close to zero the additional
penalty term, αB2, may become significant, forcing the optimiza-
tion towards a solution more like the prior information and thus
reducing the penalty term. How this prior information can be
determined is discussed later on in Section 5.5.

Optical tomography techniques

Optical tomography imaging can be performed with three different
concepts149. In the first concept, measurements can be performed
in the time-domain using the idea of time-of-flight measurements
following the launch of a short pulse (ps) into the tissue. The pulse
is broadened as it propagates through tissue because of multiple
scattering, yielding different paths of the photons. The form of the
recorded time-of-flight curve will reflect the optical properties of
the medium. The second method to be mentioned is based on the
frequency domain, where sinusoidally amplitude-modulated light is
used. The detected light has been phase-shifted and demodulated,
which can provide corresponding information about the optical
properties. The third method involves a continuous wave light
source and measurements of the attenuated light at several source-
detector distances.

light-
source

objective &
detector

Figure 5.12. Optical tomography
set-up.

A light source at a specific wavelength is used to illuminate
the object in several projections as illustrated in Figure 5.12. The
propagated diffusive light is detected around the boundary of the
specimen. The choice of wavelength is determined due to what
parameters are to be reconstructed. Usually only one wavelength
is used to provide a spatial map of the estimated optical prop-
erties within the volume examined. When using two or more
wavelengths, the properties can be reconstructed at all the mea-
sured wavelengths. The concentration of the two hemoglobin con-
stituents in tissue can be estimated with the use of two wavelengths
as the reconstructed absorption is proportional to the concentra-
tion. This can also provide an estimate of the blood saturation in
tissue.

5.4.1 Fluorescence mediated tomography

It is not only differences in optical properties that are utilized
in the reconstruction in optical tomography, also the distribution
of fluorophores, used as contrast agents inside tissue, can be re-
constructed. In fluorescence mediated tomography (FMT) usually
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two measurements are performed, one with the detection of the
transmitted excitation light, and one measurement where the fluo-
rescence light is detected. For the reconstruction there is a need
to model both the transport of the excitation light from the light
source to the fluorophore inside tissue, as well as the transport of
the induced fluorescence light from the fluorophore to the detector.

Both the diffusion approximation153;154 and the RTE155 has
been used as forward models in FMT. By using the diffusion
approximation, and assuming a simple geometry and a homoge-
nous medium, the light transport can be analytically modelled by
Green’s functions. The fluence rate at the excitation wavelength,
Ux(rs, r), reaching an arbitrary point r within the volume from a
point light source positioned at rs is given by

Ux(rs, r) ∼
1

Dx

· Gx(rs, r) , (5.4)

where Dx is the diffusion coefficient in the medium for the ex-
citation wavelength and Gx(rs, r) is the Green’s function of the
diffusion equation. The created fluorescence fluence rate is given
by Uxn(r), where n(r) is the product of the quantum yield of the
fluorophore, γ, and the absorption due to the fluorophore, μfluo

a .
The fluorescence irradiance at the detector located at rd, cre-

ated in a point r due to an excitation light source in rs is given by
Eq. 5.5:

Um(rs, rd, r) ∼ Ux(rs, r) · n(r) ·
1

Dm

· Gm(r, rd) , (5.5)

where Dm and Gm(r, rd) are the diffusion coefficient in tissue
and Green’s function at the emission wavelength, respectively. It
should be noted that these approximations are only valid for low
fluorophore concentrations.

Not only the distribution of the fluorophore is of interest, the
reconstruction also provides a map of the fluorophore concentra-
tion within the medium. However, then the quantum yield and
the extinction coefficients of the fluorophore need to be known.
Accurate information about how much excitation light entering
the tissue is also required. To prevent the problem from being too
complex the intrinsic optical properties of tissue are often assumed
to be known. The techniques used for parameter reconstruction in
optical tomography is also applied to fluorescence tomography.

Normalized Born approximation

A way to improve the robustness of the reconstruction is to use
a normalized Born approach153, which makes the measurements
independent of some experimental difficulties as e.g. fiber couplings
and excitation fluctuations. It has also been shown to improve the
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reconstruction in heterogenous medium156. The normalized Born
quantity, UNB , is given by Eq. 5.6:

UNB =
Ufluo(rs, rd)

Ux(rs, rd)
, (5.6)

where Ufluo(rs, rd) =
∫

V
Um(rs, rd, r)dr.

The use of the normalized Born approximation gives rise to a
linear problem where the parameters of interest can be obtained
with an inversion of the system matrix.

FMT set-ups

There are mainly three different set-ups used in FMT for continu-
ous wave measurements. A fiber-based set-up involves fibers both
for object illumination in several projections as well as for the de-
tection of propagated light, see Figure 5.13. Appropriate filters
are needed in front of the detection system to ensure selection of
only the wanted fluorescence component.

light-
source

filter &
detector

Figure 5.13. FMT set-up using
fibers as both sources and
detectors.

A second alternative is to use fibers for illumination and a
CCD camera with appropriate filter for detection, as illustrated in
Figure 5.14. This kind of set-up has been used in the experiments
presented in Paper iv. The use of a CCD instead of fibers at
the detection site increases the spatial resolution as more source-
detector pairs can be provided due to all pixels on the CCD chip.
In the two mentioned set-ups, the object is often placed in a fluid
inside a chamber with a slab or cylinder geometry. This provides
known boundary conditions, which can simplify the reconstruction
algorithm.

light-

source
filter &
CCD

Figure 5.14. FMT set-up using
fibers as sources and a CCD for
detection.

A third alternative is a non-contact system, shown in Fig-
ure 5.15, where only one laser spot is used for illumination and
a CCD with filters is used for detection. In this case the object
is not placed inside a chamber, therefore, measurements to recon-
struct the surface of the object are first performed. The object can
be rotated to obtain data from several projections.

light-

source

filter &

CCD

Figure 5.15. A non-contact FMT
system.

FMT applications

With FMT, in vivo molecular processes in tissue can be studied,
resolving and quantifying very low concentrations of fluorophores
in animals154. FMT further provides the possibility to investigate
several targets simultaneously by quickly changing a wavelength
selecting filter in the detection unit as different targets can be
labelled with probes emitting fluorescence at separate wavelengths.
This approach has been demonstrated in animals in vivo 157. FMT
has also been used to study tumor progression in vivo by detecting
the fluorescence from cells expressing fluorescence proteins143. A
great advantage with FMT compared to the planar fluorescence
imaging technique is the ability to study deeper-lying targets.
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5.5 Improve robustness in optical tomography

reconstruction

In optical tomography the parameter reconstruction is an ill-
conditioned problem, because different combinations of optical
properties can yield very similar values in the measurements.
Therefore, some kind of a priori information is desirable to find the
best solution. A prior can e.g. include spatial and/or spectral infor-
mation. Spatial information can be obtained from high-resolution
techniques, for example images from MRI have been used158;159.
There is an increasing interest in developing instruments capable
of multimodality imaging, where two or more of the different tech-
niques used in molecular imaging are combined.

With multispectral measurements the concentration of tissue
absorbers may be reconstructed directly without the need of first
reconstructing the optical properties at each wavelength measured,
as absorption is proportional to the concentration. Spectral pri-
ors can then include e.g. the extinction coefficients, ε(λ), of the
various absorbers159–161. Multispectral data can also reduce the
ill-posedness in optical tomography. This is due to the increase in
the number of measurements while the number of unknowns are
kept constant.
Multispectral prior information has in Paper iv been used in fluo-
rescence tomography to create a spatial probability map of a fluo-
rescent inclusion. This prior information was created by utilizing
the intensity ratio, discussed in Paper i–ii.

5.6 Multivariate analysis

In Paper v multivariate analysis was used to estimate the radius
and depth of a fluorescent inclusion inside a medium using simu-
lated fluorescence spectra as input variables. A very brief introduc-
tion to principal component analysis (PCA), partial least squares
(PLS) and support vector machines (SVM), which are different
multivariate analysis methods, is given in this section.

The goal with multivariate analysis162 is in general to build a
model, F , from a calibration data set, given the relation Ycal =
F (Xcal). In this type of problems X is often referred to as an inde-
pendent variable and Y is thus referred to the dependent variable.
The purpose of the model is to predict wanted variables Y from a
new data set, Y = F (X). The methods are based on the idea of
reducing the dimensionality of the measured data into a simpler
form, as illustrated with a simple case in Figure 5.16.

X1

X2

Z1

Figure 5.16. Data dimensionality
reduction. The important
variations of a two-dimensional
data set is here captured along a
new single dimension, Z1.

In PCA new orthogonal coordinate axes, called principal com-
ponents, are found capturing the variations in the data set. The
first principal component, PC1, is a new coordinate axis oriented
in such a way that it captures the largest variations in the data set.
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PC2 is then chosen as the direction with the next largest variation
orthogonal to PC1 and so on. A disadvantage of PCA is that the
found PCs are only based on the independent variables, Xcal, and
not the variables that are to be predicted. To remedy this a PLS
model can be used instead since it tries to find the variations in
Xcal that correlates the most with Ycal. In this way the effect of
large but not important features in Xcal is reduced. The direc-
tion in Xcal that correlates best with Ycal is defined as the first
PLS component. The second PLS component is found in the same
way but only after the effects from the first component has been
removed from the data set.

PCA and PLS are linear methods, where the dependent vari-
ables are linear combinations of the independent variables. Some
problems are inherently non-linear, as e.g. the depth dependence
of fluorescence intensity in measured fluorescence spectra. In these
cases the linear methods can not be used and non-linear methods
as SVM are introduced in order to improve the prediction of the
dependent variables163.
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även tacka er för alla roliga aktiviteter vi gjort utanför jobbet.
Speciellt vill jag tacka: Ann, för att du är en riktig kompis och för
alla roliga resor vi gjort ihop. Turerna längs autobahn kommer
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Jag vill passa p̊a att tacka övriga personer p̊a avdelningen
för hjälp med b̊ade det ena och det andra, och för de trevliga
tisdagsfikorna ihop. Speciellt vill jag tacka Minna för all hjälp
med administrativa saker inför avhandlingen och Bertil för all
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Summary of papers

i. Fluorescence spectra provide information on the
depth of fluorescent lesions in tissue
J. Swartling, J. Svensson, D. Bengtsson, K. Terike and S.

Andersson-Engels.

Spectral changes of the fluorescence caused by tissue optical
properties can be used to determine the depth of a fluores-
cent layer inside tissue. A ratio can be calculated from the
fluorescence intensities at two NIR wavelengths. This ratio
is dependent on the depth of the layer. Both experimen-
tal work and simulations were performed to investigate the
depth-dependent ratio. An accuracy of 0.6 mm was achieved
when determining the position of a fluorescent layer down
to a depth of 10 mm. The effect of the detection geometry
on the measured fluorescence was also studied with Monte
Carlo simulations and experiments on a resin phantom.

Contribution:
I performed the work concerning the effect of the detection
geometry on the measured fluorescence spectra. I also super-
vised parts of the remaining work and took part in writing
the manuscript.

ii. Modeling of spectral changes for depth localization
of fluorescent inclusion
J. Svensson and S. Andersson-Engels.

Fluorescence Monte Carlo simulations of a layered geometry
were performed to study the ratio of two fluorescence wave-
lengths in the visible wavelength region to find the depth of
a fluorescent layer. The study was focused on the fluore-
scence contrast influences on the determination of the layer
depth. Simulations were also performed to investigate the
depth determination when there are uncertainties in tissue
optical properties. The results indicated a strong dependence
on fluorescence contrast in the intensity ratio.
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Contribution:
I performed the simulations, the evaluation and wrote the
manuscript.

iii. Fluorescence spectroscopy in tissue phantoms for
improved depth resolution in tissue imaging
J. Svensson, A. Garofalakis, H. Meyer, F. Forster, J. Ripoll

and S. Andersson-Engels.

Experiments were performed to study the fluorescence emit-
ted from an embedded object inside excised tissue. Fluore-
scence was detected in two wavelength bands in the visible
region, where the ratio of the intensities gave information
about the depth of the object.

Contribution:
I performed the experimental work and the evaluation. I also
wrote the manuscript.

iv. Multispectral prior knowledge used for data pre-
processing in fluorescence molecular tomography
J. Axelsson, J. Svensson and S. Andersson-Engels.

In this paper fluorescence tomography measurements were
performed in order to reconstruct a fluorescent tube inside
a tissue phantom. The intensity ratio at two wavelengths
was used as a prior to the location of the fluorescent object.
Including this prior information the location of the object
was more accurately reconstructed.

Contribution:
My contribution to this paper was in the experimental part
and the following discussions about the evaluation.

v. External Parameter Orthogonalisation - Least
Squares Support Vector Machine (EPO-LSSVM)
and Partial Least Squares (PLS) for localization of
embedded inclusions using detection of fluorescence
F. Chauchard, J. Svensson, J. Axelsson, S. Andersson-

Engels and S. Roussel.

In this study we analyzed the emitted fluorescence from a
deep-lying spherical inclusion with the use of multivariate
techniques, to determine the depth and radius of the ob-
ject. The fluorescence spectra were obtained from simula-
tions and a large data set was used as input to the multivari-
ate methods. The effects of uncertainties in optical proper-
ties as well as fluorescence contrast could be removed with
a pre-processing technique. In order to predict the depth
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of the inclusion with a non-linear multivariate method, this
pre-processing was required.

Contribution:
I performed the fluorescence simulations and took part in
writing the manuscript.

vi. Fluorescence and absorption assessment of a lipid
mTHPC formulation following topical application in
a non-melanotic skin tumor model
A. Johansson, J. Svensson, N. Bendsoe, K. Svanberg, E.

Alexandratou, M. Kyriazi, D. Yova, S. Gräfe, T. Trebst and

S. Andersson-Engels.

Fluorescence and absorption measurements were performed
in vivo in an animal tumor model to study the pharma-
cokinetics of a topically applied liposomal formulation of
the photosensitizer mTHPC. The optical results were com-
pared to mTHPC concentrations obtained with chemical ex-
traction. The three methods showed a tumor selectivity of
mTHPC at 4 hours after application of the drug. The con-
centration obtained with absorption spectroscopy correlated
significantly with the extraction data.

Contribution:
I took part in the experimental and evaluation work.

vii. Tumor selectivity at short times following systemic
administration of a liposomal Temoporfin formula-
tion in a murine tumor model
J. Svensson, A. Johansson, S. Gräfe, B. Gitter, T. Trebst,

N. Bendsoe, S. Andersson-Engels and K. Svanberg.

In this study the pharmacokinetics of a systemically adminis-
tered liposomal formulation of Temoporfin was studied in an
animal model with subcutaneously implanted tumors. Fluo-
rescence measurements, both in an imaging and a point-
monitoring mode, were conducted on tumors and other in-
ternal organs ex vivo. The estimated Temoporfin levels by
the two spectroscopic methods were correlated to the con-
centrations obtained by means of chemical extraction. The
results indicated tumor selectivity of Temoporfin 2–8 hours
following drug administration.

Contribution:
I took part in the experiments, data evaluation and writing
the manuscript.

viii. Fluorescence monitoring of a topically applied lipo-
somal Temoporfin formulation and photodynamic
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therapy of non-pigmented skin malignancies
N. Bendsoe, L. Persson, A. Johansson, J. Axelsson, J.

Svensson, S. Gräfe, T. Trebst, S. Andersson-Engels, S.

Svanberg and K. Svanberg.

A first clinical PDT study was performed on 10 patients with
skin lesions using a topically applied liposomal Temoporfin
formulation. Fluorescence spectroscopy measurements were
performed prior, during and post PDT to study the photo-
bleaching of the sensitizer, which indicated a 30-35% bleach-
ing. The distribution of the sensitizer was also investigated
with the fluorescence measurements, showing a tumor selec-
tivity of the drug.

Contribution:
I took part in the planning of this study as well as the ex-
perimental work and data evaluation.

ix. Tissue temperature monitoring during interstitial
photodynamic therapy
J. Svensson, A. Johansson, K. Svanberg and S. Andersson-

Engels.

An Alexandrite crystal was used to measure the temperature
during light irradiation on skin. The crystal was attached to
the tip of an optical fiber used in an interstitial photody-
namic therapy system. The temperature was determined by
studying the spectral changes in the fluorescence of the crys-
tal. Light irradiations were performed both superficially on
skin and interstitially in meat, showing a slight increase in
temperature.

Contribution:
I took part in the experimental work and the evaluation. I
also wrote the manuscript.
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Fluorescence spectra provide information on the
depth of fluorescent lesions in tissue

Johannes Swartling, Jenny Svensson, Daniel Bengtsson,
Khaled Terike, and Stefan Andersson-Engels

The fluorescence spectrum measured from a fluorophore in tissue is affected by the absorption and
scattering properties of the tissue, as well as by the measurement geometry. We analyze this effect with
Monte Carlo simulations and by measurements on phantoms. The spectral changes can be used to
estimate the depth of a fluorescent lesion embedded in the tissue by measurement of the fluorescence
signal in different wavelength bands. By taking the ratio between the signals at two wavelengths, we
show that it is possible to determine the depth of the lesion. Simulations were performed and validated
by measurements on a phantom in the wavelength range 815–930 nm. The depth of a fluorescing layer
could be determined with 0.6-mm accuracy down to at least a depth of 10 mm. Monte Carlo simulations
were also performed for different tissue types of various composition. The results indicate that depth
estimation of a lesion should be possible with 2–3-mm accuracy, with no assumptions made about the
optical properties, for a wide range of tissues. © 2005 Optical Society of America

OCIS codes: 170.3660, 170.3880, 170.6280, 170.7050.

1. Introduction

There is a rapidly growing interest in fluorescence
measurements of embedded structures for tissue di-
agnostics. The principle is based on noninvasive or
low-invasive techniques in which the tissue is irradi-
ated with light and the remitted fluorescence signal is
detected on the surface. The measured signal con-
tains information about the concentration and distri-
bution of the fluorophore. This type of measurement
has the potential to discriminate diseased regions
inside the tissue (e.g., tumors), provided that there is
some mechanism for selective uptake of the fluoro-
phore.

By use of long excitation wavelengths, approxi-
mately within the 600–900-nm range, it is possible to
reach deep into the tissue, partly because of lower
scattering, but mainly owing to the lower absorption
in this region. A field of intense research is cancer
diagnostics that uses fluorophores, which have long
excitation wavelengths in the red or near-infrared

(NIR) region. This would enable fluorescence emis-
sion from deep structures, of the order of several
centimeters.1,2 A specific application that has been
suggested is detection of sentinel nodes in cancer
patients.3,4 Tumor spreading is routinely investi-
gated by lymphoscintigraphy of the lymph nodes to
which the lymphatic channels drain the tumor bed. A
radioisotope is injected into the tumor volume, and
the clinician searches for gamma decay in the nearby
lymph nodes. Fluorescence-based detection could be a
simpler and safer alternative to this procedure. An-
other application that has attracted interest is mea-
surement of the fluorescence from photosensitizers
for photodynamic therapy, with the aim of optimizing
treatment parameters and monitoring photobleach-
ing of the drug.5,6

Several reconstruction algorithms have been devel-
oped that attempt to recover the distribution of a
fluorophore in a tissue volume given a set of mea-
surements on the tissue surface. Fully three-
dimensional reconstruction methods are being
developed by some groups. They are commonly based
on use of diffusion theory as the forward model,7–11

but an algorithm based on the discrete-ordinates so-
lution of the transport equation has also been pro-
posed.12 Many combinations of light source and
detection points are needed for full reconstruction,
which implies a high complexity of both the instru-
mentation and the reconstruction algorithm. A sim-
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pler approach has been suggested by some authors,
based on the approximation that the tissue can be
regarded as a semi-infinite volume with fluorescing
lesions at some depth beneath the surface. Stasic et
al. presented a method based on the diffusion equa-
tion for a two-layer medium and spatially resolved
measurements of both diffuse reflectance and fluores-
cence.13 This method was successful in recovering the
absorption and reduced scattering coefficients (�a

and �s�, respectively) of both layers, as well as the
fluorophore concentration and layer depth. However,
recovery of all parameters was limited to a depth of
�3 mm, and determination of the depth itself proved
to be difficult for larger depths owing to model cou-
pling among depth, fluorophore concentration, and
tissue absorption. Eidsath et al. have described a
method based on image fluorometry.4 Using a
random-walk model, they demonstrated good accu-
racy of the determined depth for pointlike fluorescing
lesions.

None of the methods described in the literature
seem to make specific use of the spectral properties of
the fluorescence signal. The measured emission spec-
trum following irradiation by excitation light at the
surface is a function of several parameters, because
the fluorescence light has to pass through tissue with
characteristic scattering and absorption properties.
Thus the intrinsic fluorescence emission spectrum
will be altered in a way determined by the tissue
optical properties, by the depth of the fluorophore,
and also by the geometry of the light irradiation and
the detection system. These effects have been noted
by several authors in conjunction with fluorescence
from shallow layers (less than �1 mm) and with ul-
traviolet or blue excitation light.14–20

In the first part of this paper we investigate the
effects of the optical properties of the tissue and the
measurement geometry on the recorded fluorescence
spectra. We use Monte Carlo simulations to compute
fluorescence spectra from a turbid medium. The
Monte Carlo code was developed earlier and utilizes
several techniques to reduce the number of photons
necessary in the simulation to make the computation
time reasonable even for entire fluorescence spectra
and for large depths.21 The computed spectra are
compared with experimental results from a tissue
phantom for different irradiation-detection geome-
tries. The optical properties of the phantom, which
are necessary for the simulations, are measured in-
dependently with an integrating sphere. The results
serve as a validation of this method and demonstrate
the effects on the measured fluorescence spectra.

Next we turn to the problem of determining the
depth of fluorescent lesions in tissue. We recognize
that the shape of the fluorescence spectrum from an
embedded lesion is influenced by the depth of the
lesion, owing to the fact that the fluorescence light is
filtered when it migrates through the tissue to the
surface. Thus we investigate the potential of using
changes in the fluorescence spectra to estimate the
depth, d, of a fluorescing lesion in a semi-infinite
volume.

Our method relies on the fact that the absorption
coefficient of the tissue is nonuniform over the spec-
tral region of fluorescence emission. This means that
relative spectral intensities change for different
wavelength bands as the fluorescence light migrates
to the surface. These changes can serve as a measure
of the depth of the fluorophore. A simple approach is
to form the ratio between the measured fluorescence
signals at two wavelengths, �1 and �2,

� �
�(�1)
�(�2)

, (1)

where � represents the probability of detecting a flu-
orescence photon and then evaluating the depen-
dence of � on d. An advantage of this approach is that
by forming a ratio there is no need for absolute mea-
surements of the fluorescence light, and some uncon-
trolled parameters cancel out. To prove the principle
of this approach, we performed Monte Carlo simula-
tions of excitation and fluorescence light. The simu-
lation results were directly compared with the results
from measurements performed on a tissue phantom
to provide experimental verification of the method.
We also performed a series of Monte Carlo simula-
tions with realistic tissue optical properties, for var-
ious tissue types, to assess the robustness of the
method with respect to biological variability.

2. Materials and Methods

A. Monte Carlo Simulations

The Monte Carlo method for simulating fluorescence
from layered tissues has been described in depth in a
previous study.21 Briefly, our method takes advantage
of the symmetry aspects to reduce the computation
time. We also split the simulation of the excitation
light and the emission light into two separate prob-
lems. The resulting data sets are convolved to provide
the final answer. To increase the efficiency further, we
apply a reciprocity theorem for the calculation of the
emission light. This effectively reverses the photon
paths of the fluorescence light so that only one simu-
lation is needed, with the source of photons placed at
the surface. It was shown that for certain applications,
the computation time could be reduced by 2 orders of
magnitude or more by use of these techniques, com-
pared with the conventional method for simulating
fluorescence.21 The code is time resolved, which per-
mits studies of the effects of fluorophore lifetimes and
photon migration time dispersion.

For experimental validation, we performed Monte
Carlo simulations with optical properties similar to
those of phantoms, which were measured indepen-
dently with an integrating-sphere method (Subsec-
tions 2.B–2.D below).

We also performed simulations with optical prop-
erties similar to those in real tissue. The absorption
spectra for tissue were modeled based on data from
previous measurements of breast tissue, in which
the dominant absorbers in the red and NIR regions
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are water, fat, and deoxygenated and oxygenated
hemoglobin.22 The spectra of absorption and the
reduced scattering that were used in the simula-
tions are shown in Fig. 1. The tissue types ranged
from water rich (62% water, 16% lipid for type 1) to
lipid rich (12% water, 68% lipid for type 6) and thus
represent a very wide span in terms of different
tissue types.

B. Resin Phantom

We constructed a homogeneous solid phantom made
of epoxy resin, following the guidelines in Ref. 23. We
used TiO2 particles at a concentration of 1 mg�g (T-
8141; Sigma-Aldrich, St. Louis, Missouri) as a scat-
terer, and we used Amaranth dye at a concentration
of 0.8 mg�g (12,056-1; Aldrich Chemical Company,
St. Louis, Missouri) as an absorber. Small amounts of
the Coumarin 30 dye were used to provide a fluores-
cence peak in the green region, 450–500 nm, and
Sulforhodamin provided a peak in the red region,
550–650 nm, of the spectrum. The fluorescence spec-
trum of the phantom, following excitation at 407 nm,
mimicked that of real tissue. It exhibited a broad
peak in the green region that corresponded to tissue
autofluorescence, and a red peak similar to the fluo-
rescence from a fluorescent tumor marker.

C. Intralipid Phantom

To show the differences in the fluorescence spectrum
for a lesion at different depths, we needed a phantom
with an embedded inclusion at a variable depth d. To
this end, a phantom was prepared from 1 part
Intralipid-20% (Fresenius Kabi, Sweden) and 21
parts water. The phantom consisted of three layers,
as depicted in Fig. 2. The upper and lower layers had

the same optical properties, and black ink was added
to provide background absorption �2.3 �l�l�. The mid-
dle layer, 1-mm thick, was separated by thin plastic
foil, and to this layer a fluorescent dye (IR-140; Ex-
citon, Dayton, Ohio) was added. The depth of the
upper layer, d, could easily be varied by the addition
or removal of the liquid.

D. Integrating Sphere Measurements

The optical properties of the phantoms were deter-
mined by use of an integrating sphere.23 In the case of
the solid phantom, a small amount of the resin was
sandwiched between two glass slides while still not
hardened. To measure the optical properties of the
Intralipid phantom, we used a cuvette made of glass
slides. In both cases the thickness of the samples
was 1.00 mm and the lateral dimensions were
3 cm � 3 cm. The integrating-sphere setup was
used to measure the total transmission, total reflec-
tance, and collimated transmittance. In the case of
the Intralipid phantom, the optical properties—�a,
�s, and the scattering anisotropy factor g—were
evaluated with Monte Carlo look-up tables.23 For the
solid phantom, the collimated measurement could
not be performed because of high attenuation; in-
stead, data for the g factor were taken from previous
measurements on resin phantoms.23 The data for the
resin phantom were evaluated by use of the inverse
adding–doubling method,24 which was more conve-
nient than the Monte Carlo look-up tables owing to
the large differences in the optical properties at dif-
ferent wavelengths for this phantom.

E. Fluorescence Measurements

For the measurements on the resin phantom, we
used a compact fluorescence point monitoring sys-
tem to record the fluorescence spectra.25 The
fluorescence light from the sample was guided
through a 600-�m-core-diameter step-index fiber
�N.A. � 0.22� to a spectrometer and a cooled CCD
camera (DH501-25U-01, Andor Technology, North-

Fig. 1. Optical properties of six different types of breast tissue
(from Pifferi et al.22). The absorption spectra represent fitted
curves rather than actual measurement data. The reduced scat-
tering spectra represent fits to a power law. Only the mean spec-
trum is shown for scattering to avoid cluttering in the graph. The
error bar indicates the standard deviation.

Fig. 2. Schematic picture of the Intralipid phantom. The thick-
ness of the fluorescing layer was 1 mm.
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ern Ireland). The tip of the fiber was in contact with
the sample. For the excitation light source, we used a
krypton-ion laser emitting at 407 nm with an output

power of 20 mW. Light from the laser was focused on
a 400-�m fiber, and the distal end of the fiber was
imaged with a lens on the surface of the phantom.
This 1:1 imaging arrangement gave a 400-�m top-hat
excitation distribution on the surface. Fluorescence
spectra were acquired for distances of 0.5–7 mm, in
steps of 0.5 mm, from the excitation laser spot, over
the spectral range 540–700 nm. The acquired fluo-
rescence spectra were white-light calibrated and de-
convolved from the spectral system response
function.

We used a Ti:sapphire laser at 780 nm as the ex-
citation source for the Intralipid phantom with a flu-
orescent layer. The power was limited to �10 mW.
The light was guided to the phantom surface by
a 400-�m-core-diameter step-index fiber (N.A.
� 0.22), and a similar fiber collected the fluorescence
light and guided it to a spectrometer (HoloSpec f�1.8i;
Kaiser Optical Systems, Ann Arbor, Michigan). The
laser wavelength was removed with a long-pass filter.
A cooled CCD camera (LN�CCD-1024-EERB�1;
Princeton Instruments, Trenton, New Jersey) was
used for detection. Spectra were acquired over the
spectral range 815–930 nm.

Fig. 3. Optical properties of the resin phantom measured with the
integrating-sphere setup. Also shown is the intrinsic fluorescence spec-
trum (Fluo.) following excitation at 407 nm (arbitrary units).

Fig. 4. Experimentally measured and calculated fluorescence spectra for the resin phantom. Results from different distances between the
excitation spot and the detection fiber are shown: (a) 0.5 mm, (b) 1 mm, (c) 3 mm, and (d) 5 mm. Int., intensity; norm., normalized.
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3. Results

A. Resin Phantom and Monte Carlo Simulations

The optical properties of the resin phantom, as de-
termined with the integrating-sphere system, are
presented in Fig. 3, together with the intrinsic fluo-
rescence spectra of the fluorophores. These data were
subsequently used in the Monte Carlo simulations.
The scattering anisotropy factor g was around 0.7
over the wavelength range.23 The results of the sim-
ulations are presented in Fig. 4, together with the
measurement results for the excitation wavelength of
407 nm. Four different fiber distances are shown: 0.5,
1, 3, and 5 mm. We observed a significant spectral
shift as the fiber distance increased. Clearly, a good
agreement between simulation and measurement
was achieved.

B. Intralipid Phantom and Monte Carlo Simulations

The optical properties of the Intralipid phantom, as
determined by the integrating-sphere method (shown
in Fig. 5), were used as input for the Monte Carlo
simulations. In this case g was around 0.65 over the
wavelength range (data not shown). The measured
fluorescence spectra at different depths are presented
in Fig. 6, which shows the shift of the spectrum as the
depth increases. In the Monte Carlo simulations the
highest value of the ratio � was obtained with �1
� 815 nm and �2 � 960 nm. However, owing to the
low fluorescence signal at long wavelengths, we had
to use a lower �2 to obtain a good signal-to-noise ratio
from the measurements. Owing to the influence of
autofluorescence when the excitation and detection
fibers were close together, we used a fiber distance of
5 mm. Therefore the measurement was limited to
depths larger than �1 mm. In Fig. 7 we present �
(normalized to the value at d � 2 mm) as a function
of d for �1 � 886 nm and �2 � 922 nm.

By using the simulation results as a calibration
curve, we also attempted to predict the depth of the
fluorophore from the experimental values of �. We
then calculated the differences between the predicted
and the true values of d, which resulted in a standard
deviation in the predicted values of 0.6 mm.

C. Tissue Monte Carlo Simulations

For the simulations of realistic tissue, we assumed an
excitation wavelength of 615 nm and simulated the
fluorescence in the region 625–1005 nm in steps of
10 nm. For each individual simulation (i.e., one wave-
length and one set of tissue optical properties), 5
� 105 photon histories were traced. The fluorescing
lesion was simulated as a 1-mm-thick layer. The
depth of the upper layer to the lesion was varied from
0 to 10 mm.

Fig. 5. Optical properties of the Intralipid phantom, as deter-
mined by the integrating-sphere setup. Also shown is the intrinsic
fluorescence spectrum (Fluo.) of IR140 following excitation at
780 nm (arbitrary units).

Fig. 6. Measured (normalized) fluorescence spectra for different
layer depths (2, 6, and 10 mm) with fluorescing IR140.

Fig. 7. Ratio � shown for �1 � 886 nm and �2 � 922 nm as a
function of the depth d, normalized to the value for d � 2. Results
from both the Intralipid phantom measurements and the Monte
Carlo simulations are shown.
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The simulations were repeated for six different sets
of tissue optical properties to account for typical bio-
logical variability of the tissue composition, as pre-
sented in Fig. 1. First, we wanted to investigate
which ratios are the largest and thus best suited for
evaluating the depth of the fluorophore. To determine
the optimal choice of wavelengths for the method, we
plotted d��dd for 625 nm � �1 � 1025 nm, 625 nm
� �2 � 1025 nm. Since the initial results showed that
�(d) was approximately linear, we chose to plot d��dd
as determined by the slope of a regression line, rather
than plotting �(d) for various depths. The results are
presented in Figs. 8(a) and 8(b) for tissue types 1 and
6, respectively. The average of d��dd for all six tissue
types is shown in Fig. 8(c). The points with the largest
values in these plots may be interpreted as corre-
sponding to the best wavelength choices in terms of
obtaining a high ratio.

By looking at d��dd, it is also possible to assess
how robustly the ratios correspond to a given depth
for different tissue types. We accomplished this by
searching for the �1–�2 pair that gives the least vari-
ation in d��dd among the six tissue types. With the
requirement that we want d��dd to be relatively
high, the best combinations turned out to be �2
� 935 nm, with �1 � 695 nm, �1 � 745–755 nm, or
�1 � 875 nm. At ��1, �2� � �695, 935 nm�, the mean
value was d��dd � 0.063 mm	1, with a standard
deviation of 0.005 mm	1. At ��1, �2� � �875, 935
mm�, the mean value was d��dd � 0.043 mm	1,
with a standard deviation of 0.005 mm	1. We then
applied these values to predict d from the simulation
of each of the six tissue types. The result is shown in
Fig. 9(a) for ��1, �2� � �695, 935 nm�, and in Fig. 9(b)
for ��1, �2� � �875, 935 nm�. In the first case, most of
the predicted values of d are within 1.5 mm of the
true value, except for the most water-rich tissue type
(1), which consistently overestimates the depth by
approximately 2–2.5 mm. In the second case, the
largest errors occur for tissue types 2 and 6, which are
underestimated by as much as 2 mm.

4. Discussion

The results from the resin phantom (Fig. 4) clearly
reveal that the shape of the recorded emission spec-
trum changes according to the detection geometry. As
the distance between the source and the detector in-
creases, more spectral intensity shifts to longer wave-
lengths where the absorption is lower. Similar
findings have been reported by other authors.16,18–20

The other important conclusion from the results of
the resin phantom is that there is very good agree-
ment between the Monte Carlo simulations and the
measurements. Thus we are confident in the method
of measuring the optical properties of the phantom
independently by using the integrating sphere and
then applying these values in the Monte Carlo sim-
ulations.

The results from the Monte Carlo simulations for a
fluorescing layer show that the ratio ���1, �2� is in-
deed a useful indicator of the depth of a fluorescing

lesion for the right combinations of wavelengths �1
and �2. The results from the phantom measurements
corroborate the simulations and show that the
method is practically feasible with a relatively simple
experimental setup. In the case of the Intralipid
phantom, we utilize the difference in water absorp-
tion at the slope of the vibrational overtone band that

Fig. 8. Plots showing d�/dd as a function of �1 and �2. Only the
values where � 
 1 are plotted. (a) Tissue type 1, water rich; (b)
tissue type 6, lipid rich; (c) average of all six tissue types.
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has a maximum absorption at 970 nm. Here we used
�2 � 922 nm. Although a longer wavelength would
have given a higher ratio �, we were limited to
�930 nm by the spectrometer and the fact that the
fluorescence spectrum for IR140 drops to a low inten-
sity for longer wavelengths (see Fig. 5). We were able
to recover the depth of the fluorescing layer from the
experimental data with an accuracy of 0.6 mm.

In real tissue there are two regions that may be of
interest for choosing the wavelengths �1 and �2. One
can either use the same slope of the water absorption
band above 900 nm, as discussed above, or the slope
of the hemoglobin absorption in the 600–650-nm re-
gion. The plot in Fig. 8(c) indicates that choosing �1
� 695 nm and �2 � 975 nm would be optimal. How-
ever, to get a robust estimate of the depth in a tissue
in which the optical properties are unknown a priori,

the best choice is also governed by the requirement
that � be insensitive to biological variability. At
�970 nm the water absorption band yields large dif-
ferences between water-rich and lipid-rich tissue
types, which means that there will be a large varia-
tion in d�/dd if �2 � 975 nm is chosen. Instead, using
�2 � 930 is useful because this is a quasi-isosbestic
point at which the variation between various soft
tissues is minimal, owing to the fact that the absorp-
tion spectra of lipid and water cross at this wave-
length.22 Considering this, we found that the most
robust combination of wavelengths was �1
� 695 nm and �2 � 935 nm. With this combination
we could recover the depth of the layer with an error
of less than 1.5 mm for all tissue types except the
most water rich (type 1). Considering the very large
differences in tissue composition and thus optical
properties between the six tissue types, such a good
prediction accuracy is quite encouraging. The use of
the wavelength pair ��1, �2� � �695, 935 nm� may be
problematic in practice, owing to difficulties in find-
ing a suitable fluorophore with such a wide emission
spectrum. Using the wavelengths ��1, �2� � �875,
935 nm� is a more realistic alternative, and the re-
sults in Fig. 9(b) show that the depth prediction ac-
curacy for these wavelengths is similar.

It should also be noted that we found the relation
between � and d to be close to linear in all the cases
we investigated, meaning that a single value of d�/dd
is all that is needed to estimate the depth of a lesion
for any measurement. However, the linear depen-
dence of � on d was only true when small distances
between the excitation and the detection fibers were
used. For distances above �5 mm, the relation devi-
ated from linear when the depth was smaller than 1
or 2 mm. This could be of practical concern in some
instances, since it may not be possible to place the
excitation source and the detector close to each other
because of the influence of autofluorescence in the
tissue close to the excitation light source. In such
cases it may be necessary to have a longer distance
and to use nonlinear calibration curves.

It may be possible to improve the accuracy of the
depth evaluation by incorporating methods to esti-
mate the optical properties of the tissue, e.g., by mea-
suring the diffuse white-light reflectance of the
tissue. This would give some a priori information
about the absorption and scattering properties in a
manner related to the methods described by Stasic et
al.13 and Muller et al.17

We have also considered using temporal informa-
tion to estimate the depth. The Monte Carlo simula-
tions show that this may be possible, but there are
several difficulties. Apart from the increased com-
plexity in the instrumentation, decoupling the fluoro-
phore lifetime and the photon migration time of flight
is a nontrivial problem, especially since fluorophore
lifetimes are typically an order of magnitude longer
than the time of flight. The intrinsic fluorophore life-
time may change depending on the chemical environ-
ment, making this procedure increasingly difficult.
For our method, we are analogously dependent on the

Fig. 9. Values of the depth d predicted from the Monte Carlo
simulations for each of the six different tissue types. In all six cases
the same calibration was used. (a) Calibration based on the mean
value d�/dd � 0.063 mm	1 at ��1, �2� � �695, 935 nm�. (b) Cali-
bration based on the mean value d�/dd � 0.043 mm	1 at ��1, �2�
� �875, 935 nm�.
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assumption that the intrinsic emission spectrum of
the fluorophore does not change according to the
chemical environment in the lesion. However, in our
case such variations are likely to be small, whereas in
the case of the lifetime it will be the dominating
effect.

With the present method, we envision a potential
application based on a probe that delivers excitation
light and at the same time detects the fluorescence
light by means of relatively simple photodetectors
and wavelength-selecting filters. The operator would
manually scan the probe across the tissue, and the
information would be presented in the form of an
indicator of fluorescence intensity and the estimated
depth of the fluorophore. We also consider our
method to be quite promising in terms of providing
the depth information for image fluorometry and mo-
lecular imaging as a means for resolving the fluoro-
phore distribution in three dimensions.26
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1. Introduction 

One biomedical field where fluorescent inclusions are to be found is molecular imaging, 
where biological processes can be studied at cellular and molecular levels [1-3]. Biological 
processes can be monitored by using specific molecular probes, which seek out target 
molecules. These probes are frequently designed to provide characteristic fluorescence. To 
collect the induced fluorescence light, an optical imaging technique is employed. 

Detection of fluorescence light emitted from the molecular probes can be used to 
determine the spatial location of specific cells inside the tissue and the concentration of the 
probe. Several optical imaging techniques can be used to detect tissue luminescence: 
fluorescence reflectance imaging (FRI), bioluminescence imaging (BLI) and fluorescence-
mediated molecular tomography (FMT) [2-4].  

One aspect of molecular imaging is the development of molecular probes emitting in the 
NIR region, where tissue exhibits low absorption, allowing deep penetration of light into the 
tissue. In the NIR region, deeply located inclusions could then also be monitored in highly 
vascularized tissue [5]. Molecular probes emitting fluorescence in the NIR region are 
desirable and under development [5-10]. Presently most fluorescence detection is conducted 
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with probes fluorescing in the visible, mainly by fluorescent proteins. Tissue autofluorescence 
is relatively high in this wavelength region, leading to a relatively low fluorescence contrast 
between the fluorescence from the probe at low concentrations and tissue autofluorescence 
[5]. Fluorescence contrast is defined as the ratio of the induced fluorescence in the fluorescent 
probe and the background fluorescence. Visible light also has low penetration in tissue, and 
deeply located inclusions, especially in tissue with a high hemoglobin concentration, are 
difficult to detect.  

In a previous study, we demonstrated a method to determine the depth of an embedded 
inclusion marked with a fluorescent probe [11]. As the depth, size of inclusion, and 
concentration are parameters that can be difficult to evaluate independently with fluorescence 
imaging [4], independent information on any of these parameters will make the determination 
and localization of the object more accurate. The demonstrated method relies on spectral 
changes in the fluorescence as it propagates through the tissue. The characteristics of the 
detected fluorescence light depend on many different factors, for example, the optical 
properties of the tissue, the depth of the fluorescent inclusion, and the detection geometry [12-
18]. Studies to determine the depth of a luminescent source embedded in a liquid phantom 
have been performed previously [19,20]. The concept of forming a ratio of acquired data to 
determine the depth of a fluorescent inclusion has been reported using two different excitation 
beam diameters [19]. An expression of diffusion theory for the emittance from a luminescent 
source has been fitted to spatially resolved measurements of the diffuse reflectance, providing 
an accuracy of the depth of an isotropic point source of 1 mm [20]. Also Patterson et al. used 
fluorescence to study the depth of light transport in tissue  [21,22].  

The absorption coefficient in tissue is strongly wavelength-dependent in the region from 
the visible to the NIR region. The dependence of tissue absorption and scattering on 
wavelength leads to a spectral change in the fluorescence light as it propagates through the 
tissue, especially the dependence of tissue absorption has been discussed in [18]. The deeper a 
fluorescent lesion is located in the tissue, the greater the change in intensity between different 
fluorescence wavelengths. In our previous study [11], the depth of a fluorescent layer was 
determined with both Monte Carlo simulations and experiments on a liquid phantom, by 
studying the fluorescence emitted in the 800−900 nm range in reflection geometry. The depth 
of a fluorescent layer could be determined with an accuracy of 0.6 mm down to a depth of 10 
mm. 

The aim of this study was to further investigate the usefulness of a depth-resolving 
technique based on spectral information in the visible wavelength region. Two fluorescence 
wavelengths (540 nm and 615 nm) were chosen where difference in tissue absorption is large. 
The wavelengths could in principle be chosen according to a difference in tissue scattering, 
but as the differences in scattering in general are smaller, the wavelengths were selected based 
on absorption changes. Limited fluorescence contrast and uncertainties in the optical 
properties are two important issues in the technique investigated here, especially of 
importance for detection in the visible region. The effect on a calculated ratio between the 
fluorescence intensities at two wavelengths as a function of depth was investigated when the 
optical properties were changed. Low fluorescence contrast is also a realistic problem when 
working in the visible wavelength region, because of the tissue autofluorescence emitted upon 
illumination with blue-green light. When working in the NIR region the problem with low 
fluorescence contrast is much smaller, because tissue autofluorescence is very weak in this 
wavelength region. The fluorescence contrast will be low when working with fluorescent 
proteins, because most of them fluoresce in the visible region.  
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2. Material and methods 

2.1 Geometry of the modeled tissue 

In Fig. 1, a schematic of the simulation geometry is shown. A layered structure is assumed. 
The model of tissue is divided into 60 elements in the radial direction, each element being 
0.05 cm wide. The z-direction is divided into 80 or 120 elements depending on the thickness 
of the model, each element being 0.025 cm long. A fluorescent layer with a thickness of 1 mm 
can be inserted at any depth in the model.  

Fig. 1. Schematic of the geometry used to simulate fluorescence with Monte Carlo 
calculations. It assumes a layered structure, where z denotes the thickness of the sample. 

A pencil beam is assumed to enter the phantom at the point (r,z) = (0,0), as illustrated in 
Fig. 1. The transmitted fluorescence light is detected as a function of the radius, r. This 
corresponds to illumination with a thin laser beam and imaging detection of the transmitted 
fluorescence. 

2.2 Fluorescence Monte Carlo simulations 

An accelerated fluorescence Monte Carlo method, described in detail previously [23], was 
used to simulate the fluorescence generated inside an object and its transport to the back 
surface, where it could be detected. In this code, a Monte Carlo simulation is first performed 
using optical properties specified for the modeled tissue at the excitation wavelength. This 
simulation provides an absorption map of the fluorophore. Another simulation is then 
performed at the fluorescence emission wavelength, yielding a probability distribution of the 
generated fluorescence inside the volume to be detected at position (0,z). The matrices for the 
excitation and emission wavelengths are then convolved to yield the probability of detecting a 
transmitted fluorescent photon ( ) as a function of radial distance. Additional inputs to the 
Monte Carlo simulations, apart from the optical properties of the different layers and the 
geometry, are the fluorescence contrast and the absorption coefficient of the fluorophores in 
the fluorescent layer and surrounding tissue. The simulations are accelerated by using a 
reciprocity theorem. With this concept only one simulation is required for each emission 
wavelength, rather than one per wavelength for each volume element in the model [23]. 

2.3 Evaluation of the data 

For each wavelength a vector with the probability of detecting a transmitted fluorescence 
photon as a function of radial distance was calculated. The ratio of the vectors obtained from 
simulations at two different emission wavelengths was calculated according to Eq. (1):  

Excitation
light 

Depth 

Fluorescence
light 

z

r

(0,0) 

(0,z) 

Fluorescent 
layer, 1mm 
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)540(

Γ
Γ=γ                    (1)

    
Data from a point (0,z) was selected for the illustrations, in order to easily compare the results 
of the ratio as a function of depth for different parameters in the same graph. 

2.4 Optical properties of the tissue model 

The optical properties used in the simulations were extracted from the results presented in Ref. 
[24]. In that study, the measurements were performed on in vivo muscle tissue with relatively 
low blood content. The relations in Eqs (2) and (3) were employed to obtain optical properties 
at the wavelengths used, where hemoglobin and oxyhemoglobin are assumed to be the 
dominant absorbers in the visible wavelength region [24]. The absorption is given by 

( ) ( )∑=
i

iia c λελμ                   (2) 

where ci is the concentration and i is the extinction coefficient of the absorbing molecule,  
while the reduced scattering can be expressed as  

( ) b
s aλλμ ='                    (3) 

The extinction coefficients for hemoglobin and oxyhemoglobin at 488 and 540 nm were 
obtained from Ref [25] and the concentrations of hemoglobin and oxyhemoglobin were 
obtained from Ref [24]. The optical properties obtained for the phantom at the three 
wavelengths are given in Table 1. The fluorescence yields were assumed to be the same at 
both wavelengths.  

Table 1. Optical properties of the tissue model 

Wavelength / nm a / cm-1
s / cm-1

488
540
615

0.89
2.13
0.14

18
16
14

2.5 Simulation of a 3 cm thick tissue model 

The number of photons used in each simulation was 70 million, with a total thickness of the 
phantom of 3 cm. The optical properties used are given in Table 1. One simulation was 
performed for the excitation wavelength and for each of the two fluorescence emission 
wavelengths. The matrix obtained for the excitation light was multiplied, pixel-by-pixel, by 
the matrix giving the fluorescence yield. One such multiplication was performed for each 
depth of the fluorescence layer, yielding an excitation matrix for each depth of the layer. 
Finally, a convolution was performed between the excitation matrix and each of the two 
fluorescence matrices. The convolution was performed for each depth of the fluorescent layer. 
The depths of the layer in the model were: 1, 4, 7, 10, 13, 16, 19, 22, 25 and 28 mm from the 
excitation surface. 

2.6 Changes in optical properties 

The optical properties of the tissue model were altered slightly to evaluate the sensitivity of 
the fluorescence emission ratio, , to such variations. Five different simulations were 
performed, changing the absorption or reduced scattering coefficient at all wavelengths by 
±20%. When not altered, the optical properties given in Table 1 were used. The properties 
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changed are listed in Table 2. The total thickness of the model was 20 mm, and the number of 
photons for each simulation was 10 million. In all other aspects, the simulations were identical 
to these described in Section 2.5.  

Table 2. The optical properties used to simulate the effects of changes in optical properties on the fluorescence ratio. 

a -20 % a +20 % s -20 % s +20 %

 / nm a / cm-1 
s / cm-1

a / cm-1
s / cm-1

a / cm-1
s / cm-1

a / cm-1
s / cm-1

488
540
615

0.71
1.7
0.11

18
16
14

1.07
2.56
0.17

18
16
14

0.89
2.13
0.14

14.4
12.8
11.2

0.89
2.13
0.14

21.6
19.2
16.8

Simulations were also performed to model how the ratio is affected when the relative 
attenuation of the two fluorescence wavelengths is changed. The absorption coefficient was 
varied for the fluorescence wavelength at 540 nm according to Table 3.  The depths of the 
layer in the model were: 3, 7, 10, 13 and 19 mm from the excitation surface. 

Table 3. Absorption coefficient of the tissue model with different attenuation at 
 the fluorescence wavelengths 

a (540 nm) / cm-1
a (615 nm) / cm-1 Factor 

0.28
0.7
1.4
2.13

0.14
0.14
0.14
0.14

2
5

10
15

2.7 Contrast in fluorescent phantoms 

In the last part of this study, the influence of fluorescence contrast in the tissue model was 
studied. Here we simulated the case where the bulk tissue surrounding the layer also exhibited 
fluorescence, and the contrast between the bulk tissue and the fluorescent layer was varied. 
The fluorescence contrast of the tissue model was assumed to be 1, 10, 25, 50, 100 and 
infinity. Fluorescence contrast of 1 corresponds to the situation of having only 
autofluorescence in the entire model and a contrast of infinity corresponds to fluorescence 
induced in the fluorescent layer only. The different values of the fluorescence contrast were 
chosen to study the trend of the intensity ratio as a function of depth when changing the 
contrast value. The investigated depths of the layer were 4, 10, 16, 19, 25 and 28 mm. 
Otherwise the input data in Section 2.5 were used. 

3. Results 

Figure 2 shows the simulated radial profiles in a logarithmic scale of fluorescence emitted 
from the surface of a tissue model containing a fluorescent layer at three different depths 13, 
16 and 19 mm. The graph to the left shows the radial profiles for the transmitted fluorescence 
at 540 nm, while the graph in the middle shows the corresponding fluorescence at 615 nm. 
The graph to the right shows the radial profile of the ratio between 540 and 615 nm. These 
results are given for an ideal case with infinite fluorescence contrast where fluorescence is 
induced only in the thin fluorescent layer.  
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Fig. 2. Left: the radial profile for the yellow fluorescent wavelength for depths of 13, 16 and 19 mm. Middle: 
the radial profile for the red fluorescence at the same depths, and right: the ratio between the yellow and the 
red fluorescence at the same depths. 

The image in the upper left corner of Fig. 3 shows the simulated distribution of the 
excitation light on a logarithmic scale in a tissue model, assuming the optical properties listed 
in Table 1 in the entire volume. The image to the lower left describes the fluorescence emitted 
in a layer at z = 4 mm. The images in the center show the probability of detecting fluorescence 
at r = 0 in the model, emitted from various positions in the model at two fluorescence 
wavelengths (upper row 540 nm and lower row 615 nm). These maps were modeled using a 
reverse Monte Carlo simulation from the backside of the model.  

Fig. 3. Upper row: left, the distribution of the excitation light where the light can be absorbed; 
middle, the probability of fluorescence emitted at 540 nm to be detected at position r = 0 and z 
= 30; and right, the result of multiplying the excitation and emission images. Lower row: 
corresponding images for fluorescence emission light at 615 nm. The image in the lower left 
corner shows the distribution of the fluorescence emission inside the model with a fluorescence 
layer at z = 4 mm and an infinite fluorescence contrast.  
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To the right in Fig. 3, the results of a multiplication of the excitation by the fluorescence 
light is shown, assuming that the entire model has a uniform fluorescence efficiency of unity, 
i.e. using the map in the upper left corner for the excitation. This multiplication provides maps 
of the areas contributing to the fluorescence emitted at r = 0, and are calculated as an overlap 
between the excitation and the fluorescence light. Such a map is of interest when evaluating 
fluorescence at different wavelengths escaping the model versus the position of the 
fluorescent layer. 

In Fig. 4 the calculated yellow/red ratio as a function of depth of the fluorescent layer is 
presented in logarithmic scale for various optical properties (see Table 2). The absorption or 
scattering coefficients for the three wavelengths were changed by ±20% at the same time. 
Figure 5 shows the logarithmic value of the ratio as a function of depth when the relative 
attenuation of the two wavelengths is changed. The absorption coefficient at 540 nm was 
changed to achieve a relative difference of the two wavelengths by the factors 2, 5, 10 and 15. 

Fig. 4. Logarithmic value of the yellow/red ratio as a 
function of depth for optical properties according to 

Table 2. 

Fig. 5. Ratio of the two intensities in a logarithmic 
scale as a function of depth, when the relative 

attenuation of the two wavelengths are changed.

The results below show how the detected fluorescence is altered by autofluorescence 
from the surrounding bulk tissue. Figure 6 shows the detected yellow and red intensities as a 
function of depth of the fluorescent layer for different contrast between the layer and the rest 
of the tissue model and also the yellow/red ratio. As can be seen the slope of the curve 
decreases as the contrast is reduced, leading to a less sensitive determination of the depth of 
the object. For a low contrast it becomes difficult to determine the depth, especially in the 
center of the model.  
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Fig. 6. Left: the detected yellow intensity as a function of the depth of the layer, middle: the 
corresponding for the red intensity and right: the yellow/red ratio. The legend corresponds to 
the contrast between the layer and the rest of the tissue model. c denotes the fluorescence 
contrast. 

4. Discussion 

Monte Carlo simulations were performed to determine the depth of a fluorescent layer inside a 
homogeneous tissue-like medium, assuming excitation with blue light and detection of yellow 
and red fluorescence wavelengths in transmission geometry. A calculated yellow/red ratio is 
depth-dependent when the tissue model exhibits difference in absorption at the two detection 
wavelengths, as the spectral shape changes as the light propagates through the medium [18].

To determine the depth, we utilized the concept of a dimensionless ratio. In real 
measurements there are always advantages in using a dimensionless ratio, because some of the 
experimental parameters will be canceled out. Examples of these parameters are fluctuations 
in the illumination source and object distance [26]. By forming a ratio, we limit the evaluation 
to two wavelengths. This automatically leads to the question of which wavelengths should be 
used to yield the best depth resolution and robustness. The choice of wavelengths depends on 
both the availability of a suitable fluorophore as well as the optical properties of the tissue and 
the presence of tissue autofluorescence. Below we discuss the choice of wavelength range in 
terms of light penetration, uncertainties in optical properties, and the presence of tissue 
autofluorescence.  

Light obviously penetrates better, the lower the attenuation coefficient. This means that it 
is easier to detect fluorescence embedded in tissue in the NIR region between 600 and 900 
nm, as at these wavelengths the absorption by hemoglobin, lipids and water is low. This is 
especially important for thick tissues containing large amounts of hemoglobin. Higher 
absorption will, however, preferentially attenuate light with a long path length in the tissue, 
yielding a less diffuse image. Increased absorption thus means a lower signal, but higher 
spatial resolution. This has previously been explored by Yoo et al. [27]. 

One should also choose a pair of wavelengths for which the relative attenuation is more or 
less independent of the exact composition of the tissue. This is of great importance when the 
tissue composition varies in the volume studied, or is unknown because of large 
interindividual variations, for example, due to lipid and water content. If two wavelengths are 
identified, for which different tissue types exhibit almost the same optical properties, the depth 
of a fluorescent inclusion can be determined much more robustly. In a previous simulation 
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study [11], the depth resolution for NIR fluorescence was investigated for six tissue types, 
ranging from water-rich to lipid-rich. Using the data obtained from those simulations, the 
depth of a lesion could be determined with an accuracy of 2 mm, without knowing the tissue 
composition. It thus seems to be possible to find such a wavelength pair around 930 nm, 
where water and lipids are the major absorbers, and absorb to similar degree. Variations in 
tissue composition are, from the absorption point of view, due to the relative amounts of lipids 
and water.  In the visible region, where hemoglobin is the major absorber, it is not possible to 
find such wavelength regions, where the absorption is equal for tissue with various amount of 
hemoglobin. As the absorption of both wavelengths used scale linearly with the hemoglobin 
concentration, the relative absorption will, however, remain the same and a proper wavelength 
pair can thus be selected. Alterations of ±20% correspond to the variation in hemoglobin 
content that we found to be realistic for intersubject variation [28]. As hemoglobin is the main 
absorber for the excitation wavelength, as well as for both detection wavelengths in the visible 
region, all absorption coefficients were varied simultaneously in the simulations. The results 
show that a change of 20% in either the absorption or scattering coefficient still causes a 
considerable difference in the ratio at positions far from the detector (small depths), yielding a 
depth variation determined from the ratio of approximately 2−3 mm, see Fig. 4. This 
corresponds to a relative error in the determination of the depth of 10-15%. For layers closer 
to the detector the ratio is more or less independent of the optical properties, and the depth 
variation is only 0.5−1 mm. It is interesting to note in Fig. 4 that a change in a of +20% and a 
change in s  of +20% cause almost the same effect on the ratio. If diffusion of light can be 
assumed in the medium, scattering effects are described with the reduced scattering coefficient 

s', and the remaining light fluence rate as a function of distance from a source is described by 
the exponential law exp(- eff · d), where eff is the effective attenuation coefficient, see Eq. (4), 
and d is the distance.  

)(3 '
saaeff μμμμ +=                   (4) 

This explains why the change in a and s  provides similar results. A ±20% change in the 
absorption or scattering coefficient results in an approximately ±10% difference in eff.  If 
diffusion is assumed, the logarithmic ratio between the fluorescence intensities at two 
wavelengths as a function of depth will thus be linear with a slope determined by the 
differences in eff. Figures 4 and 5 show linear relations of the logarithmic ratio as a function 
of depth, which suggests diffusion being valid. It should, however, be noted that diffusion is 
not always valid and non-linear shapes of the logarithmic ratio may occur.  

This leads to the question of how great a difference in absorption between the two 
detection wavelengths is needed to achieve sufficient depth resolution. It is not always ideal to 
have as large difference as possible. A larger difference in absorption provides better depth 
resolution, but too high absorption prevents the light from penetrating deeply into the tissue. 
This is clearly illustrated in Fig. 3. Only inclusions close to the detector would be detected 
with a high absorption. Here the overlap of excitation light and emitted fluorescence light can 
be seen for the two fluorescence wavelengths involved. If there is no overlap, no fluorescence 
will be observed at the detector surface. As can be seen, no value can be obtained for the ratio 
for layers located at depths less than 0.5 cm when using the optical properties given in Table 
1. This would be the case for the layer at the depth of 4 mm where the fluorescence would 
only be induced in this layer, which is indicated in the lower left image in Fig. 3. The 
absorption at 540 nm is so large that the light cannot reach the detector side. This can be 
compared to the situation when measuring in reflection geometry, then the method would be 
more sensitive to fluorescence from depths closer to the excitation side. These images show 
how important it is to select the fluorescence wavelengths carefully. If a wavelength with too 
high an absorption is chosen then the detectable depths will be limited to a smaller region. 
Another interesting remark is that the trend of the yellow fluorescence curve differs from that 
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of the red fluorescence curve, as can be seen in Figs. 2 and 6. The trend of the yellow 
fluorescence curve indicates an increase in fluorescence; this is because of the higher 
absorption of the yellow light compared to the absorption of the excitation light. This can also 
be seen in the images in the upper row in Fig. 3. For the red wavelength it is the opposite 
relation providing a decrease in fluorescence instead, as can also be seen in the images in the 
lower row in Fig. 3. In Fig. 5 it is also illustrated how important it is to know the relative 
attenuation of the two wavelengths used in order to determine the depth of an inclusion, as the 
slope of the ratio as a function of depth alters significantly with changes in the relative 
attenuation.    

The concept of using a ratio to evaluate the spectral changes may be improved by using 
the statistical approach of multivariate analysis. These techniques have been used to analyze 
tissue in order to distinguish between malignant and non-malignant tissue and to delineate 
tumors in various types of tissue [29,30]. Utilizing this concept, information obtained from 
many wavelengths could be used to increase the depth-resolution. More spectral information 
should make the analysis more robust when the optical properties of the medium are not fully 
known. It would also reduce some of the work involved in finding the wavelength pair that 
provides the best depth resolution. This is something we plan to investigate in the near future.  

When illuminating tissue with blue or green light, it will always emit autofluorescence. 
This autofluorescence is often strong compared to the weak signals from the fluorescence 
probe, as the volume of the surrounding tissue is so much larger than that of the embedded 
inclusion. Many fluorescent probes used today, for example the fluorescent proteins, emit in 
the visible wavelength region, where tissue autofluorescence is much stronger than in the NIR 
range. It is thus of importance to investigate the more realistic case when the rest of the 
phantom also fluoresces and not only the embedded object. The results of our Monte Carlo 
simulations show that a low fluorescence contrast makes it difficult to investigate the 
fluorescent inclusion, including determining its depth. When the fluorescence contrast is 10, 
the fluorescence detected from the inclusion is strongly influenced by the autofluorescence, 
making it difficult to determine the depth of the inclusion as illustrated in Fig. 6. It can also be 
seen in Fig. 6 that a tissue model containing autofluorescence only, meaning that the contrast 
is 1, gives a constant value of the ratio. This is a rather trivial result, as the fluorescence 
should be independent of the position of the layer, in this case when the layer has identical 
fluorescence properties as the rest of the model. The autofluorescence will contribute to a 
background fluorescence level. If the detectable fluorescence from the layer is not stronger 
than this background fluorescence, it will fall into the background noise. This is clearly shown 
for both wavelengths in Fig. 6. Only in the case with infinite fluorescence contrast, when the 
surrounding tissue has zero autofluorescence, no such effect is seen. It is interesting to note 
that it is in the central part of the model where it is difficult to evaluate the depth. This is due 
to that the 540 nm light is more absorbed than light at the excitation wavelength, yielding a 
positive slope of the detected fluorescence as a function of depth, while the corresponding 
curves for 615 nm exhibit a negative slope, as fluorescence emission at this wavelength is less 
attenuated than the excitation light. This yields a flat region in the central part of the model for 
the ratio curves. If other wavelengths with a different relation of the optical properties had 
been chosen, the flat region could have been at either end of the tissue model. The 
contribution from the autofluorescence thus clearly needs to be considered when the depth is 
determined by the ratio. The ongoing development of probes in the NIR region is therefore of 
great importance, so that imaging can be performed in the region where the tissue 
autofluorescence is minimized and also greater depths can be investigated. Both quantum dots 
and fluorescent proteins are under development in the NIR region [10,31].  

In this study we focused on a homogeneous layered structure, but of course it needs to be 
investigated what happens for other geometries. There is also a need to study the ratio as a 
function of depth for a fluorescent object with a different shape. It should be noted that a large 
object close to the detector has the same radial profile as a small object far from the detector 
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[4]. It is also important to investigate how this method would work in tissues with other 
optical properties.  

The spectral information to provide depth information of an inclusion may be shown to be 
useful as independent a priori information in tomographic evaluation algorithms. In the NIR 
region where scattering dominates over absorption the reconstruction of the medium becomes 
ill conditioned, as discussed for absorption tomography by e.g. Arridge [32]. It can thus 
become difficult to determine the spatial location of the object and also its size. Additional 
information may help to refine the reconstruction algorithm.  

5. Conclusions 

In this study, we have shown that the depth of a fluorescent inclusion can be determined by 
calculating the ratio of the intensities of two fluorescent wavelengths (yellow and red). We 
have especially investigated the effect on the ratio when the optical properties are changed, 
and with different fluorescence contrast. 
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ABSTRACT 

A way to determine the depth of an embedded fluorescent object, for example deep-lying tumors marked with a 
fluorescent probe, is to detect fluorescent light that has propagated through the medium at two different wavelength 
bands. A ratio can then be calculated between the corresponding intensities. The wavelength regions should be chosen 
such that there is a difference in the absorption in the medium. This spectral information could be used as a complement 
in other methods, for example in tomography, due to its straightforward implementation. In this study we have 
performed phantom measurements to determine the depth of a fluorescent object, filled with fluorophores. The 
transmission of yellow and red fluorescence was measured and a ratio of yellow to red fluorescence was calculated for 
several depths in tissue with a thickness of 2 cm. The ratio showed a clear dependence on the depth of the object.  

Keywords: fluorescence spectroscopy, molecular imaging, light propagation 

1. INTRODUCTION 

Optical tomography is a method to extract the position of small fluorescing volumes embedded in highly scattering 
media. Several different tomographic techniques have been evaluated to reconstruct the spatial distribution of fluorescent 
objects in tissue-like media, where the diffusion approximation is often used in this context to describe the light 
propagation.1-5 Also within molecular imaging it is of interest to visualize fluorescent volumes. Molecular imaging is a 
field in which molecular pathways and events occurring at the molecular level can be monitored by means of fluorescent 
reporters.6,7 To monitor molecular interactions in vivo, specific molecular probes are needed that seek specific target 
molecules. These probes may be designed to emit fluorescent light upon excitation and to be activated only in the 
presence of specific enzymes,8 yielding information on processes occurring at the molecular level. Different optical 
techniques have been developed for light emission-based molecular imaging: fluorescence reflectance imaging (FRI),7,9

bioluminescence imaging (BLI)7 and fluorescence-mediated molecular tomography (FMT).8,10-12 FMT is a technique that 
reconstructs three-dimensional images of the distribution of a fluorescent molecular probe in tissue. In FMT, tissue is 
illuminated with excitation light at several projections. Fluorescence light that has propagated through the tissue is then 
detected.11 The tomographic algorithm is often relatively ill conditioned in turbid media, making it difficult to accurately 
and independently predict the depth, size and concentration of the fluorescent inclusion. In the NIR wavelength region 
where light penetrates well and is highly scattered, due to the relatively low absorption, it is of interest to use as much a
priori knowledge as possible. Spectral information could be used to improve the robustness in the tomographic 
evaluation. 

The spectral changes in the fluorescence as it propagates through the tissue can be used to determine the depth of an 
embedded inclusion labeled with a fluorescent probe.13,14 Different factors, for example the optical properties in tissue, 
the depth of the fluorescent inclusion and the detection geometry can influence the spectral shape of the fluorescence.15-18

The absorption coefficient of tissue is wavelength-dependent in the region from the visible to the NIR region. Different 
wavelength components of the fluorescent light will be attenuated differently by the absorption as it propagates through  
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the tissue. There will be a greater change in intensity between different fluorescent wavelengths that originates from a 
deeper-lying lesion in the tissue. The ratio of the fluorescence signals at two wavelengths can provide additional 
information about the depth of the fluorescent inclusion. In a previous study,14 the concept of forming a dimensionless 
ratio between two fluorescence wavelengths was demonstrated with both Monte Carlo simulations and experiments on a 
liquid phantom using a fluorophore in the 800-900 nm range. The results showed that the depth of a fluorescent layer 
could be determined with an accuracy of 0.6 mm down to a depth of 10 mm.  

In the NIR region, light can penetrate deep into tissue, providing the possibility to study deep-lying inclusions in tissue.19

Therefore the development of specific molecular probes in the NIR region is of importance.8,11,12,20,21 A group of 
molecular probes are based on the specific genes that can control the production of fluorescent proteins in cells.7,22 There 
exists a variety of fluorescent proteins that fluoresce in different parts of the visible spectrum.7,23 Investigations utilizing 
fluorescent proteins as molecular probes are of great importance, since they can be used, for example to identify tumors 
in experimental studies.7,19 Studies with these fluorescent proteins however, have to deal with the limitation that they 
emit light in the visible wavelength region. In this region high absorption yields a low penetration of light and the tissue 
autofluorescence is strong.  These effects have so far limited their use to small animals or to tissues with absorption. A 
benefit of the high absorption is that the tomographic algorithm is less ill conditioned, as light in a more narrow path 
between excitation and detection positions is favored.24

The aim of this study was to investigate whether the fluorescence ratio concept could provide useful information in tissue 
in the visible region where low fluorescence contrast between the inclusion and the bulk tissue can influence the 
measurements. Fluorescence measurements were performed in tissue with an inserted glass tube containing a fluorescent 
liquid. The glass tube was placed at different depths in a tissue phantom. For each depth fluorescence images were 
acquired, one yellow and one red fluorescence image. The two fluorescence images were then used to calculate a depth-
dependent ratio.  

2. MATERIAL AND METHODS 

2.1 Experimental equipment 
The experimental setup used in the study is illustrated in Figure 1. A multiline argon-ion laser (Coherent, Innova400, 
Santa Clara, CA 95054 USA) emitting at several wavelengths (488 and 514 nm) was used as an excitation source. A 
laser beam, with a diameter of 6 mm, illuminates one side of the phantom. The tissue phantom used was an excised 
tissue sample consisting of porcine muscle in vitro. A thin glass tube containing two fluorophores is placed at different 
depths in the tissue. The light excites the fluorophores in the sample and the induced fluorescence propagates through the 
phantom. A cooled ICCD camera (ANDOR Corp., DH734-18F-73, Belfast, Northern Ireland) equipped with a 50 mm 
f/4 macro standard objective camera lens is used to detect the transmitted fluorescence from a specific area of the 
phantom.  A 3 mm thick cut-off filter OG550 (Schott, Bromma, Sweden) was placed in front of the objective. By 
sequentially using two different band pass filters (ESCO, Oak Ridge, New Jersey, USA) in front of the ICCD, yellow 
(550 ± 10 nm) and red (630 ± 10 nm) fluorescence images can be acquired.  

Figure 1: Schematic illustration of the experimental setup. 
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2.2 Preparation of the phantom 
For the experiments, a piece of porcine muscle was placed in a 20 mm thick, 100 mm wide and 100 mm high glass 
vessel. A thickness of 20 mm is relevant for small animal imaging studies. The fluorophores used in the tissue 
experiments was a 50/50 mixture of Rhodamine 110 (Lambda Physik, LC5700, Goettingen, Germany) (2mg/ml) and 
Rhodamine 101 (Lambda Physik, LC6400, Goettingen, Germany) (1mg/ml) solved in 95% ethanol. A glass tube with an 
inner diameter of 1.50 mm and an outer diameter of 2.3 mm was filled with the fluorophore mixture and placed at 
different positions inside the meat. 

2.3 Measurement procedure 
The total power for the excitation light for the tissue measurements was approximately 0.5 W. Different exposure times 
were used for the yellow and the red filters, as can be seen in Table 1. The depths of the glass tube were 1, 3, 6, 8, 11, 13, 
17 and 19 mm. An image was acquired with each of the filters. 

Table 1: Exposure times used with the tube in the tissue phantom. 
Depth / mm Exp. time / s (yellow) Exp. time / s (red) 

1 5 0.003 
3 5 0.005 
6 5 0.020 
8 1 0.030 
11 0.9 0.008 
13 5 0.100 
17 3 0.300 
19 1.5 0.300 

2.4 Evaluation of the data 
The intensities in the acquired images were normalized with respect to the exposure time. A region of interest of 33x33
mm in all images was selected. A depth-dependent ratio was calculated in two different ways. First, a ratio was 
calculated for each pixel in the selected region of interest by dividing the value in the yellow image by the corresponding 
value in the red image. A new image was then formed as a pixel-by-pixel ratio. The second method involved calculating 
a mean value over the entire region of interest for the yellow and red images separately. The mean value for the yellow 
image was then divided by the mean value for the red image, resulting in a value corresponding to a certain depth. 

3. RESULTS 

The method used to determine the depth by calculating a ratio between the intensities at two fluorescence wavelengths 
was applied to tissue in this study. The images were acquired on porcine muscle in vitro with an inserted glass tube 
containing the fluorophores. Figure 2 shows the normalized images acquired for two depths of the glass tube in tissue, 6 
mm (right column) and 13 mm (left column). The image area is 25x25 mm. The first row shows the images acquired 
with the yellow filter in front of the ICCD camera and the second row shows the images acquired with the red filter. The 
images in the last row show the pixel-by-pixel ratio. Figure 3 shows the yellow/red ratio based on the mean values of the 
images as a function of depth for the glass tube inserted into meat. The results indicate that the method of determining 
the depth of a fluorescent object works in tissue.  
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Figure 2: The first row shows the images acquired with the yellow filter, for a tube located at the depths  
6 and 13 mm in tissue. The second row shows the corresponding red images.  

The images in the lower row show the yellow/red ratio for the two depths.

Figure 3: The yellow/red ratio for a fluorescent tube located at different depths in a tissue phantom. 

4. DISCUSSION 

The fluorescence from a tumor seeking fluorescent compound can be detected in several projections to reconstruct the 
location of the tumor with optical tomography. The reconstruction problem becomes, however, ill conditioned when 
scattering in the medium is high compared to the absorption. In those cases it would be of great aid to utilize available a
priori information to be able to perform the reconstruction in a robust manner. Spectral information obtained by 
measuring the fluorescence intensity at several wavelengths could yield such a priori information. In this study, the 
fluorescence intensities in two wavelength bands were measured from fluorophores located at different depths in tissue. 
A difference in the absorption coefficient in tissue for the two fluorescence wavelengths affects the spectral shape of the 
recorded fluorescence. By forming a ratio of the intensities in the two wavelength regions, a value was obtained that 
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provides information on the depth of the fluorescent object. By evaluating a ratio of two intensities, no absolute 
measurements are necessary. This yields certain benefits, because unknown parameters can be canceled out, for example 
instrument-dependent factors that may not be known in detail.25

Most of the fluorescent probes used today emit in the visible region,19 where tissue autofluorescence is strong. This 
provides a low fluorescence contrast, where it is difficult to detect the weak fluorescence signal from the probe. When 
measuring visible fluorescence from a small inclusion in tissue, there will thus always be background fluorescence from 
the tissue itself. This was studied in a tissue specimen. Figure 4 shows the yellow/red ratio for a tube in tissue with a 
relatively large fluorescence contrast. To be able to detect the fluorescence from the fluorophore, a relatively high 
concentration is needed so that it is not overwhelmed by tissue autofluorescence. This becomes increasingly important 
for smaller inclusions, since the relative volume becomes small compared to the bulk tissue. The relative signal of the 
fluorophore needs thus to be much higher in the visible region compared to the NIR region. The depth-dependent ratio, 
with different degrees of fluorescence contrast has been investigated with Monte Carlo simulations in a recent study.13

The results show that the depth-resolving technique works, even though the tissue fluoresces, but tissue autofluorescence 
will lead to poorer depth resolution due to a reduction in contrast. This problem is expected to be reduced if a 
tomographic algorithm is employed, as the fluorescence contribution from much smaller volumes can be evaluated. 

5. CONCLUSION 

The presented results showed that the ratio of the fluorescence intensity in two wavelength regions can provide 
information on the depth of an embedded fluorescent object in tissue. The concept used in this study is to utilize 
differences in the absorption in tissue in the two wavelengths regions. The experiments were performed in tissue in vitro
where autofluorescence is present, which decreases the fluorescence contrast.  
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Abstract

Fluorescence molecular tomography (FMT) suffers from being mathematically ill-conditioned result-

ing in non-unique solutions to the reconstruction problem. In an attempt to reduce the number of possible

solutions in the underdetermined system of equations in the reconstruction, we present a method to pre-

process the recorded data using information from a few multispectral recordings. This simple preprocess-

ing provides regularization of the reconstruction. The method is verified in a tissue phantom setup. The

results imply that initial reconstructions with preprocessing show faster and more accurate convergence

compared to non-preprocessed reconstructions.

1. Introduction

Fluorescence molecular tomography (FMT) has evolved during the last decade to become an important

modality for studying fluorescent markers inside small animal models. Disease and treatment progression

can be monitored, within longitudinal small animal studies in vivo. For this imaging the fluorescence emitted

from fluorophores, attached to specific molecules, is performed.1 One major challenge in FMT is to obtain a

feasible tomographic reconstruction resembling the correct result as well as possible. The reconstruction is

mathematically ill-conditioned yielding multiple non-unique solutions satisfying the recorded signals. Hence

there is a need for methods to increase the robustness of the mathematical problem. This can be achieved

by employing a priori information.2 Anatomical images retrieved from MR has for instance been used to

select a feasible reconstruction region together with diffuse optical tomography.3 Governed by the recent

development of non-contact detection schemes for FMT,4, 5 providing possibilities for high resolution re-

constructions, the computational cost is greatly increased. Thus, it is important to optimally define the

reconstruction parameters balancing computational expense and resolution in the reconstruction.5 In this

study we report on a simple approach to preprocess the recorded data to achieve a better reconstruction

performance. The method is based on the multispectral fluorescent emission information, as a fluorophore is

typically characterized by a broad band fluorescence spectrum.

In an FMT setup laser light is radiating several small spots on the tissue surface sequentially, either

through a fiber or by a free laser beam. The excitation light propagates through the tissue and undergoes

multiple scattering and absorption events. Upon absorption in a fluorophore, fluorescent light will be emitted,

which then propagates through the tissue and is collected by a detector at the rear boundary. Application of

multiple detectors will yield information about the spatial intensity distribution of the light escaping from

the tissue surface.

The diffusion approximation to the radiative transport equation is here utilized to mathematically describe

the light propagation in tissue. The light delivered as a small spot onto the tissue surface is then approximated

by a point source positioned one scattering length 1/μ
′

s inside the medium. The extrapolated boundary

condition is applied using mirrored sources to account for the refractive index mismatch at the boundaries.6

The source position is denoted rs. The excitation light reaching an arbitrary point r inside the medium will

1



induce fluorescence. The fluorescence propagating to the detector at position rd is um (rs, rd, r) [W/m2],

defined by:7

um (rs, rd, r) =
P0Gx (rs, r)

4πDx
ηm(r)

vGm (r, rd)

4πDm
. (1)

Gx (rs, r) = |r − rs|
−1 exp(ikx |r− rs|) [m−1] is the Green’s function to the homogeneous diffusion equation

for the excitation light distribution with a point source placed at rs. Gm (r, rd) = |rd − r|
−1

exp(ikm |rd − r|)

[m−1] is the corresponding Green’s function for the emission light detected at rd. P0 [W ] is the laser source

strength. ηm [m−1] is the product of fluorescence quantum yield (γm) for emission wavelength (λm) and the

fluorophore absorption coefficient (μaf
), Dx,m = v/(3(μ

′x,m
s + αμx,m

a )) [m2s−1] is the diffusion coefficient

for the emission (m) and excitation (x ) light, respectively, while kx,m = (−vμx,m
a /Dx,m)1/2 [m−1] is the

wave number for the excitation and emission wavelength and v is the speed of light in the medium. The

dimensionless constant α (here α ≈ 0.55) is adopted from Ripoll et. al.8 to form a modified absorption

dependent diffusion coefficient.

Consider an arbitrary fluorescent point inclusion at position r inside the medium. It has previously been

reported that the intensity ratio of the fluorescence emission at two wavelengths from such an inclusion

detected at the boundary of the tissue is dependent on the depth of the inclusion.10 This effect is due to the

difference in bulk tissue attenuation, mainly absorption i.e. μm1
a �= μm2

a . Following the formalism above, the

ratio of the two fluorescence signals induced at a location r is thus given by:

umR(r, rd) =
um1(rs, rd, r)

um2(rs, rd, r)
=

Dm2γm1

Dm1γm2

Gm1(r, rd)

Gm2(r, rd)
. (2)

Eq. (2) can be calculated to yield the ratio of the escape probabilities for the two wavelengths emitted from

any voxel to each detector. This is performed by utilizing the reciprocity theorem,11, 12 i.e. Gm(r, rd) =

Gm(rd, r). We will here use this simple relation to estimate the position of a fluorescence inclusion and use

this estimate to make a subsequent FMT reconstruction more robust and accurate.

2. Experiments

The setup used was comprised of a 2.0 cm thick slab shaped glass cuvette. The slab was filled with a 1.1%

Intralipid-water solution and 0.4% bovine blood to mimic the optical properties of biological media.13 The

optical properties were measured using an integrating sphere setup14 in connection to the experiments. μa

was 0.78, 0.59 and 0.29 cm−1, while μ
′

s was 14, 13 and 12 cm−1 for λx = 532 nm, λm1 = 560 nm and

λm2 = 600 nm, respectively. A thin-walled glass cylinder with an inner radius R = 2.8 mm filled with the

phantom solution and 1.0 μM Rhodamine 6G was positioned at the depth zf = 1.1 cm. Excitation light of 80

mW at 532 nm (Millennia Vs, Spectra Physics Laser) was delivered through an optical fiber (400 μm) with

the distal end in close contact with the sample wall to form a small spot at the surface of the glass cuvette.

The position of the source was changed by translating the distal end in incremental steps of 0.5 cm using

a grid made of black delrin plastic placed just outside the cuvette wall. The fluorescence originating from

the cylinder was detected at the opposite boundary using a CCD-camera (Hamamatsu, C4742-80-12AG)

equipped with an objective lens (Nikon, f/1.8, focal length 50 mm) and a Liquid Crystal Tunable Filter

(Varispec, LCTF VIS 20-35). The emission centered at λm1 = 560 nm and λm2 = 600 nm was collected and

normalized for the filter transmission. A total of 10 source positions were used and 31 detector positions

were extracted from the acquired images. The relative intrinsic emission spectrum of the fluorophore was

measured with a spectrometer (OceanOptics, USB4000) for an aqueous solution of Rhodamine 6G of low

concentration. Relative fluorescence quantum yields of γ
′

m1 = 1.0 and γ
′

m2 = 0.43 were obtained from this

spectrum.
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3. Results

The aim is to produce a probability map over the position of a fluorophore that can be used for data-

preprocessing. This can be obtained by comparing the value of the measured ratio with the value of the

corresponding ratio using the forward model for a small fluorophore positioned at a specific location ri. The

comparison is conducted for all possible modelled fluorophore positions ri within the geometry. The difference

between the values given by the forward model (Eq. (2)) calculated in all voxels and the detected intensity

ratio should yield a minimum for the positions in the media containing a fluorophore. This difference can be

expressed as:

ΔUd
mR(ri) = |ln (umR(rd, ri)) − ln (UmR(rd))| , (3)

for a voxel at ri in a discretized geometry and a detector at rd. UmR(rd) represents the ratio of the measured

fluorescence intensity at the two wavelengths. In the evaluation of the difference between modelled and

measured values, we have here chosen to use the logarithmic values in order to decrease the dynamic of the

resulting difference. Evaluation of Eq. (3) for one detector and all voxels in a plane through the volume yields

an arc with minimum values inside the geometry, as seen in Fig. 1. The resulting arc is centered around

the specific detector, since the minimum is obtained for all voxels positioned at the same distance from the

detector. The minimum value for the three detectors shown in the figure are placed at different distances

from the detectors due to the fact that the measured ratios UmR are different, requiring a matching value of

|ri − rd| in the forward model umR to compensate. A longer propagation distance yields a smaller intensity

ratio, hence the arc is placed further away from the detector. Summation of the images shown in Fig. 1

retrieved for all detectors yields a minimum where the arcs overlap, i.e. where the fluorophore is positioned.

This is done by calculating the sum, i.e. S = 1
31

∑31

d=1 ΔUd
mR(ri).
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Fig. 1. ΔUmR for detector a) 3, b) 15 and c) 27 extracted for the same excitation source position. The white cross

(+) indicates the source position and the white dot (•) represents each detector position. The true position of the

cylinder is marked by the circular ring for reference.

The summation of all detectors yields the image shown in Fig. 2 a). This image can be interpreted as some

type of map correlated with the probability for the fluorophore position.

The normalized Born approach9 was implemented to investigate whether preprocessing data using multi-

spectral information improved the reconstruction performance of the fluorophore position. In the normalized

Born approach a system of linear equations, based on Eq. (1), can be formed using several source and de-

tector positions. The set of linear equations is then subject to inversion where ηm is sought. Utilizing the

normalized Born approach,9 the set of linear equations is written as UnB = WX, where UnB is a vector

3
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Fig. 2. a) Confinement of a cylinder shaped fluorophore. b) Weight matrix retrieved from confinement.

comprised of the ratio between detected intensities at one emission wavelength and the excitation wavelength

for all combinations of sources and detectors. W is a weight matrix where each element is formed by the

forward model,9 i.e.

Wh,i =
P0(4πDx |r− rsh

|)−1exp(ikx |r − rsh
|) · v(4πDm |rdh

− r|)−1exp(ikm |rdh
− r|)

P0(4πDx |rdh
− rsh

|)−1exp(ikx |rdh
− rsh

|)
. (4)

In Eq. (4), h is the source-detector pair index and i is the voxel index. The X-vector is constructed of the

unknowns ηm(ri).
9

To incorporate the preprocessing information in the reconstruction, Fig. 2 a) is scaled so that the minimum

value is assigned 1 and all other voxels lower values, see Fig. 2 b). The scaled probability map can then be

used as an additional diagonal weight matrix P where Pi,i is assigned the value for voxel i in Fig. 2 b).

The preprocessing is performed by multiplying the matrices, i.e. Wproc = W × P. The algebraic recon-

struction technique (ART) was utilized to invert the matrix equation.9 The reconstruction with and without

multiplication of the additional weight matrix is shown in Fig. 3 a-b).
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Fig. 3. Reconstructions a) without prior information, b) with preprocessing. c) reconstruction error without prior

information (dashed) and with preprocessing (solid).

It is seen that with prior information the fluorophore position is more accurately determined. Since ART

is an iterative algorithm, the error between the measured and the forward modelled data can be calculated

in each iteration, i.e.
∑

|UnB − WX |/Nvoxels, seen in Fig. 3 c). Iterations were performed until the error

4



increased again. The faster decrease of the reconstruction error when using the confinement is caused by the

change of the weight for each voxel.

4. Conclusions

We have presented a simple and objective procedure to confine the reconstruction region around a fluorescent

inclusion in turbid media based solely on the multispectral feature of the fluorescence. The method is based on

the difference of the forward model and the detected intensities. This poses no additional computational cost

for a reconstruction algorithm, except the forward matrix calculation of the additional emission wavelength.

The method yields a prior weight map outlining the most probable fluorophore region. In the results presented

the spatial prior is used as an additional weight map. Spatial priors can be applied in numerous ways. In

present work we are now extending the spatial prior in a generalized Tikhonov regularization scheme. The

spatial prior is then used as a penalizing term in the matrix regularization.

The demonstration presented herein is performed in a homogeneous tissue phantom with autofluorescence

subtracted from the measurements. The influence of autofluorescence and inhomogeneities is within current

work in our group.
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Abstract  
Fluorescence spectroscopy is a useful technique for tissue diagnostics and is also a promising tool in the 
characterization of embedded structures in tissue. The emitted fluorescence from an embedded inclusion, 
marked with a fluorescent compound, is affected by several factors as the light propagates through the 
medium to the tissue boundary, where the fluorescence light is detected. Tissue absorption, scattering and 
autofluorescence, as well as the size and depth of the inclusion, affect the detected fluorescence light. The 
aim of this study is to investigate if the size and location of a fluorescent inclusion could be determined 
using models based on both Partial Least Squares (PLS) and a combination of External Parameter 
Orthogonalisation (EPO) and Least Squares Support Vector Machine (LS-SVM) (EPO-LSSVM). The data 
set consisted of simulated multispectral fluorescence, where depth and radius of a spherical fluorescent 
inclusion were varied as well as the fluorescence contrast and optical properties of the surrounding tissue. 
The results showed that it was possible to build a PLS model to predict the radius of the inclusion, but the 
depth could not be determined uniquely when using PLS. Also, the results demonstrated that both depth and 
radius affect the fluorescence signal in a non-linear way; therefore the non-linear models based on LS-SVM 
predict both radius and depth more accurately. It was observed that EPO acts as a useful pre-processing tool 
on spectra for non-linear models and that it was necessary to perform EPO to be able to predict the depth 
with the LS-SVM model.  

Keywords: multispectral, fluorescence spectroscopy, multivariate analysis, external parameter 
orthogonalisation, LS-SVM, non-linearity  

1. Introduction 
Fluorescence spectroscopy can be used as a diagnostic tool in the detection of cancer. Fluorescence is 
induced by illuminating the tissue at a certain excitation wavelength. The fluorescence will be emitted from 
the tissue in a broadband spectrum. The emitted fluorescence light is dependent on the concentrations of 
fluorophores and chromophores as well as on the biochemical properties of the tissue and can be used to 
distinguish between normal and diseased tissue. One goal with developing fluorescence as a diagnostic tool 
is to be able to detect precancerous differences in epithelial tissue at such an early stage, that it cannot be 
seen by the eye of an experienced physician [1]. Benefits with fluorescence spectroscopy are e.g. that it is a 
non-invasive technique and can be performed in real time. It is, however, not only superficial tissue that can 
be studied with fluorescence spectroscopy. Also fluorescence imaging of deep-lying inclusions in tissue is of 
importance. Today this is mostly performed in studies with small animal models [2,3]. To be able to detect 
these deep-lying objects in tissue, the inclusion needs to be marked with some kind of fluorescent probe and 
the emitted fluorescence in addition to the transmitted excitation light is detected and analyzed in order to 
determine the location and size of the inclusion [4]. Commonly used probes are fluorescent proteins, that 
today are limited to emit fluorescence in the visible wavelength region [5]. Detected fluorescence signal 
levels depend on several factors including fluorophore concentration, size of inclusion, tissue optical 
properties [6,7] and detection geometry [7,8]. Tissue absorption in the visible wavelength region is mainly 
due to the presence of hemoglobin molecules in the tissue. Both oxygenated and deoxygenated blood absorb 
in this wavelength region with strong absorption peaks at 540 and 569 nm for oxygenated blood and at 557 
nm for deoxygenated blood [7]. In previous studies it has been demonstrated that an intensity ratio of two 
fluorescence wavelengths is dependent on the depth of a fluorescent inclusion [9,10]. The intensity ratio 
shows such depth dependence, only if the tissue has differences in optical properties at the two wavelengths, 
affecting the fluorescence light at the two wavelength bands differently. Fluorescence contrast is defined as 
the ratio of emitted fluorescence light from the inclusion compared to fluorescence emitted from the 
surrounding medium, e.g. tissue autofluorescence. It has been shown that the above mentioned intensity ratio 
depends not only on the depth of a fluorescent inclusion, but also on the fluorescence contrast [9]. This 
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affects the evaluation of depth from this ratio negatively. Especially in the visible wavelength region, a 
strong tissue autofluorescence decreases the fluorescence contrast. One way to improve the estimation of the 
location of the fluorescent inclusion could be to increase the spectral resolution and add information from 
several fluorescence wavelengths. 
Chemometrics provide many different and interesting tools and methods for dealing with spectra. Most often 
these spectra are obtained using spectroscopy methods and aims at predicting chemical constituents. The 
relationship between chemical constituents and spectra most commonly follow the Beer-Lambert's law. 
When a diffusion process occurs different preprocessing techniques as e.g. Standard Normal Variate [11], 
Multiplicative scatter correction [12] and Derivatives [13] can partly correct the non-linearities introduced 
by photon scattering and enhances the prediction power. Fluorescence signals  from highly scattering media 
are more difficult to use because of important non-linearities with respect to depth and optical properties in 
the tissue [14], especially when the aim is to predict physical parameters such as depth and size of an 
inclusion. The accuracy of the predictions will also be more sensitive to external factors as for example 
fluorescence contrast. Prediction of depth and size of inclusions using fluorescence will therefore involve 
techniques for correction of external influences and deal with non-linearities. Chemometrics provide 
interesting tools for dealing with these problems: 
(i) External influence can be corrected using projection techniques such as Orthogonal Signal Correction 
(OSC) [15], External Parameter Orthogonalisation (EPO) [16] and more specifically Dynamic Orthogonal 
Projection (DOP) [17] for online processes. 
(ii) Least Squares Support Vector Machine (LS-SVM) is a non-linear modeling technique that has 
successfully been used in several spectroscopy [18,19] and imaging applications [20]. SVM has also 
successfully been used for classification of non-malignant and malignant tumors in breast tissue [21]. 

In this study the possibility of localizing a fluorescent inclusion inside tissue using Partial Least Squares 
(PLS) and a combination of EPO and LS-SVM (EPO-LSSVM) is investigated. For this purpose the 
fluorescence at several wavelengths is evaluated. The fluorescence data is based on finite-element method 
(FEM) simulations of fluorescence light in turbid media. Both radii and depths of fluorescent volumes are 
predicted. 

2. Theory 
Capital bold characters will be used for matrices, e.g. X; small bold characters for column vectors, e.g. xi
will denote the ith column of X; row vectors will be denoted by the transpose notation, e.g. xTj will denote 
the jth row of X; non-bold characters will be used for scalars, e.g. matrix elements xij or indices i. Underlined 
bold letter, C, will denote space and subspace. 

2.1. Relation of fluorescence spectrum and physical parameters 
Two physical parameters, size and depth of an inclusion, were of interest in this study. It is well known that 
a physical parameter can have a non-linear relation to the measured signal because of phenomena such as 
scattering, absorption and emitted fluorescence of different surrounding tissues. Firstly, an oversimplified 
model was defined by considering only absorption of tissue and fluorescence of the inclusion, while totally 
neglecting scattering and tissue autofluorescence. This model was constructed for one reason only - to 
identify adequate preprocessing of the data to obtain a good multivariate model. A schematic illustration of 
this simplified problem is shown in Fig.1.. Monochromatic light at 514 nm irradiates the tissue surrounding a 
fluorescent inclusion. After excitation the inclusion will generate broadband fluorescence light observed at 
the distal boundary. From this model several conclusions can be drawn: 
(i) The monochromatic laser light source (il) will be attenuated and light penetration through the tissue thus 
modifies the fluorescence emission from the inclusion at depth dt. According to the Beer-Lambertian law, 
the intensity received by the inclusion (i) will be given by:  

)( 514 th dkc
l eii ××−×= ,

where c is the concentration of the absorbers and  kh514 corresponds to the tissue absorption at 514 nm, which 
is dominated by hemoglobin absorption. The emitted fluorescence intensity i0 will be directly proportional to 
the intensity i received by the inclusion.  
(ii) The larger the inclusion is, the higher the resulting fluorescence intensity will be. The signal intensity is 
related to the total volume, which, if we consider a sphere, depends on the radius to the power of three (r3). 
The emitted fluorescence spectrum is therefore more correlated to r3 than r.  
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Laser 514 nm: it

dt=depth

d

i: measured spectra

Different level of
absorption/scattering

Fig. 1. Simple scheme of the fluorescence problem. 

From the above considerations the intensity i0 of the emitted fluorescence light will be a function of 
inclusion depth (dt) and radius (rt), incoming laser intensity (il) and the fluorescence yield of the 
fluorophores in the inclusion (kt(λ)):

tk0i ×××−××= )514exp(
3

34
tdhkcli

tr π     (1) 

By applying Beer-Lambert's law from the inclusion to the detector and by taking into account that the solid 
angle for the detector will be S/4π(d-dt)2, the intensity, the value of the measured spectra, i, will be given by 
Eq. (2): 
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where kh(λ) is the wavelength dependent tissue absorption of the emitted fluorescence light and d is the 
sample width. Eq. (2) is not aiming at giving a precise physical description of the phenomenon, which is 
clearly more complex, as surrounding tissue also fluoresces and light scatters. The equation aims at giving 
an idea about the relation between signal and physical parameters. Hence the signal appears proportional to 
the radius raised to the power of 3. Depth is more complex and will probably be more difficult to predict 
because depth dependence is in the exponential part as well as in front of the exponential function in Eq. (2). 

2.2. External Parameter Orthogonalisation (EPO) 
Projection techniques aim at removing interfering subspace from the space used for model calibration. 
Several projection methods have recently been proposed for improving the PLS performance. In reference 
[15], the method OSC is described as a filtering method. Recently another method External Parameter 
Orthogonalisation (EPO) [16] has been proposed for removing interfering subspace from a dataset. This 
method has successfully been used for removing temperature influence on near-infrared spectra used to 
predict sugar contents in fruits. The method assumes that the spectral space S can be split into three 
subspaces:  

- C is defined by the spectral responses, which are independent of the external parameter 
influence 

- G is generated by the perturbations on the spectral response caused by external 
parameters, e.g. fluorescence contrast or temperature, and is independent of C

- R contains the rest of the spectral information. 
The interfering subspace, G, is estimated by taking into account the effects of the major external parameters. 
X is a measured fluorescence spectrum in S. If Q is the projection operator onto G, X is split as follows: 
X = X Q + X+

where X+ is the remaining spectrum containing as little information as possible on external parameters. Q is 
estimated by a Principal Component Analysis (PCA) on a small set of spectra measured containing only the 
external parameter variations. EPO cleaning does not need the reference value of the calibration model we 
want to build as is needed with OSC. Therefore no relation is assumed between the ‘interesting’ reference 
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value and the spectra. The influence subspace is removed and any kind of modeling can then be performed 
in the remaining subspace. More precisely, non-linear modeling can be performed in the subspace. With 
OSC the remaining subspace is optimized for a linear modeling, which may limit the performance of a non-
linear model. 

2.3. Partial Least Squares (PLS) and Least Squares Support Vector Machine (LS-SVM) 
A PLS model [22] uses projection of the vector x on a regression coefficient b in order to predict the target 
parameter y. The matrix equation is: 

ebXy +⋅=
The regression coefficient is obtained using the SIMPLS algorithm and e is the residual part. Cross 
validation is used in order to avoid over fitting. Prediction of a new sample, xnew, is then performed using b:

bxT
new=ŷ

With LS-SVM [23], a model is based on a kernel matrix K [nxn]. This matrix is obtained by using the 
calibration database X [nxp] (n samples, p variables).  

=
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is defined by the Radial Basis Function (RBF). K  can be thought of as a sort of sample-sample correlation 
matrix. The kernel width parameter,σ , is related to the confidence in the data, or signal-to-noise ratio 
(SNR). Adjusting σ  also influences the non-linear nature of the regression. As 2σ  increases, the kernel 
becomes wider forcing the model towards a less complex solution. The model equation is then given by: 

f+⋅= Ky ,
where y is the predicted value and K is the kernel matrix. β is the regression coefficient and f the residuals. 
The LS-SVM objective function takes into account the norm of the regression vector in order to increase the 
model robustness. The classical squared loss function is thus replaced by the following objective function: 

+
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ii yy

e ,

where γ is a regularization parameter analogous to the regularization parameter of regularized artificial 
neural networks, and is used as a weight on the norm. Put simply, γ indicates the level of model complexity. 
The regression coefficient is calculated using a Karush-Kuhn-Tucker (KKT) system [23].  

3. Experimental 
3.1. Fluorescence data 
3.1.1. Modeling geometry 
The geometry used for the simulations in this study can be seen in Fig. 2. The geometry model consisted of a 
2.0 cm thick slab with optical properties of those of adipose tissue [24]. Inside the tissue a fluorescent 
inclusion with the shape of a sphere was placed at a specific depth, measured from the side where the 
excitation light source was located. The excitation light was a point source at 514 nm and emitted 
fluorescence from the inclusion was detected on the opposite side of the slab symbolizing an experimental 
imaging set up. Emission of fluorescence light was assumed to be in the wavelength interval 540-650 nm.  
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Fig. 2. The geometry used for simulation of fluorescence light.  

3.1.2. Modeling of fluorescence light 
The distribution of excitation light and emitted fluorescence light was modeled with the diffusion 
approximation using the finite element method. The software package COMSOL Multiphysics was used for 
the modeling. Fluorescence light was modeled for 12 wavelengths in the specified fluorescence interval in 
Section 3.1.1.  

3.1.3. Data set 
Several simulations, with different input parameters such as radius and depth of the sphere, optical properties 
in tissue and fluorescence contrast, were performed to build a data set. Eight different values of the sphere 
radius were used in the simulation, (r = 0.5, 0.75, 1, 1.25, 1.5, 1.75, 2, 3 mm). For each radius of the sphere, 
the depth of the sphere was changed in the range of 6 to 20 mm. Varying optical properties in tissue were 
studied by changing the level of blood oxygenation in tissue. The same optical properties were assumed in 
the surrounding tissue as well as in the inclusion. Three blood oxygenation levels were used in this study; 
50, 70 and 90%. Only absorption properties were changed when oxygenation was varied. Optical parameters 
were modeled for adipose tissue according to Refs [24,25]. The last parameter to be changed for each 
simulation was the fluorescence contrast, meaning that also the surrounding medium can emit fluorescence 
at the same wavelengths as the inclusion but with different yield. A contrast of 10 means that the inclusion 
has a fluorophore concentration 10 times higher than the surrounding medium. When changing the contrast, 
the fluorescence from the inclusion was kept fixed. Three contrasts were evaluated: 5, 10 and 50. In total 783 
fluorescence spectra were simulated and these were separated in a calibration set (391 samples) and a test set 
(392 samples). 

3.2. Chemometrics 
3.2.1. Correction of influential factors 
EPO was used to eliminate oxygenation and fluorescence contrast effects. Three levels of oxygenations and 
three levels of contrasts were available in our database, which resulted in 9 possible combinations of 
oxygenation and fluorescence contrast. Nine mean spectra were calculated in order to obtain only variation 
of oxygenation and contrast, for all radii and depths. This subset was used for calculating a PCA model. The 
loading, L, of the principal component was used for characterizing the oxygenation and contrast subspace. 
Five loading were calculated. Using the loading matrix the projector was calculated as follows: 
Po2/c=L.L’
Five projectors were calculated based on one to five loadings. The number of loadings used for the projector 
was chosen regarding the modeling performance in cross validation. The spectra were corrected using an 
orthogonal projection: 
X+=X-X.Po2/c
X+ was then used for radius and depth modeling using PLS and LS-SVM. As explained in [16], it is not 
necessary to pre-process the test set when using a multivariate linear model as the regression coefficient has 
been calculated orthogonal to the interfering subspace. 
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3.2.2. Modeling 
The first PLS model, PLSr, was obtained using PLS and pre-processing of taking the radius to power of 3, to 
predict r3. The numbers of latent variables were chosen using full cross validation. 
In order to facilitate the depth prediction, spectra from the EPO corrected database were corrected for sphere 

radius, either the predicted from PLSr or for the actual radius: 3r̂

+
++ = xx . Then a depth PLS model, PLSd,

was calibrated for prediction of depth dt with no pre-processing of the depth reference value. The number of 
latent variables was chosen using cross validation.  
The non-linear models were obtained using the semi-parametric method LS-SVM. Radius prediction model, 
LS-SVMr, was calibrated using the EPO processed spectra. The reference values were not pre-processed 
since LS-SVM is a non-linear technique. The test set was also processed using EPO, because LS-SVM is not 
a projection method. Kernel width and regularization parameter tuning were done using the Venetian blind 
technique.

Several models (LS-SVMd) were built for the depth prediction. The first one was based on raw spectra. The 
second one was based using EPO correction with 3 principal components. The other models were based on 

EPO correction with 1 to 5 components combined with the radius pre-processing approach 3r̂

+
++ = xx ,

where the estimated radius is the radius predicted by the best LS-SVMr model. 

4. Results and Discussion 
4.1. EPO 
Oxygenation and contrast mean spectra are plotted in Fig.3. A decrease in fluorescence contrast, i.e. the bulk 
tissue is more fluorescing, results in an increase of signal intensity mainly in the wavelength region of 590-
650 nm. Oxygenation also affects the light intensity, but can also introduce change in peak curvature in the 
region 600-650 nm.  
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Fig. 3.  (a) The nine spectra used for oxygenation and contrast subspace characterization. (b) The first three 
loadings obtained by PCA and percentage of variance captured. 

The loadings obtained from the PCA are also shown in Fig.3.. The first loading captures 99.43% of the 
variance. This first loading catches the variation in intensity due to contrast but also partly from 
oxygenation. The shape of this loading, which looks like a mean spectrum, confirms this observation. This 
kind of result is frequently obtained when scattering can affect the spectrum. The second loading catches 
0.57% of variance, and is more related to the oxygenation change. The effect of blood oxygenation on 
spectra is well known [6]. The first effect of an increase of oxygenation is a slight rise in intensity at 560 nm 
and 600-650 nm, due to a decrease of absorption. This information holds by the first component. The second 
effect is a change in curvature at 620 nm. This is the information caught by the second loading, which has a 
positive value below 620 nm and negative above. This kind of shape typically indicates correction of 
slope/curvature or peak shift which is consistent with theory. The third loading captures a very small part of 
the information, relatively to the information captured by the first loading. This loading alternates between 
positive and negative values. At first glance it could be interpreted as noise. However, this shape can also 
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introduce peak or spectral shifts. The resulting spectra after three component orthogonalisation are shown in 
Fig.4.  
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Fig. 4. Raw spectra (a) and pre-processed spectra using EPO with 3 components (b).  

As can be seen, the remaining spectra for a three component projection exhibit amplified amplitude in the 
540-600 nm region, as compared to the 600-660 nm region. A peak also appears at 590 nm. Since the three 
component processed spectra still seem to contain information, the third component does not introduce noise 
but rather a shifting effect. It is interesting to see how the information contained in the wavelength region 
540-600 nm is amplified, whereas the high variance in the 600-650 nm is progressively decreased.  

4.2. Linear modeling 
The effect of EPO on the PLS model for radius prediction with reference value processing is shown in Fig.5, 
where SECV stands for Standard Error of leave-one-out Cross Validation. EPO does not provide an 
improvement of model performance compared to the exhaustive calibration. 
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Fig. 5.  (a) Effect of EPO on the SECV of the PLS model compared to exhaustive calibration. (b) Standard 
deviation of the regression coefficient as a function of number of latent variables. A black dot indicates 
where the lowest SECV is reached. 

The 2-D graphics show that the optimum is reached more rapidly when using EPO. The number of latent 
variables for building the model is therefore decreased. When using EPO the standard deviation of the 
regression coefficient increases more rapidly. However, since the best SECV is reached faster, the retained 
regression coefficients have the same standard deviation, see (Fig. 5b). Actually the regression coefficient 
for EPO-processing PLS or for unprocess EPO PLS are very similar (not shown here). Usually EPO is used 
for improving robustness rather than using exhaustive robust calibration. In our case we have used EPO only 
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as a pre-processing tool aiming at simplifying the model - that is probably why there is no improvement in 
performance. For PLS it is not possible to say that the model has been simplified using EPO because even if 
the number of latent variables is decreased, the standard deviation of the regression coefficient, i.e. 
regression complexity, is kept constant. Since EPO does not provide improvement for radius prediction, the 
selected prediction model was without EPO pre-processing. The prediction plot of this model is shown in 
Fig.6.  
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Fig. 6. Model without any reference value processing (black dots) and the selected model without EPO but 
with r3 pre-processing (circles). The model using pre-processing with radius to the power 2.6 (gray 
squares). Note that the three prediction plots have been shifted (+ - 0.05 ) for clarity. 

The model not using reference value processing exhibits a non-linear effect. This is well corrected by using 
power of 3 pre-processing. This result shows that non-linearities may be corrected using a convenient pre-
processing of the reference values as explained in [22]. Even though the determination coefficient, R2, is 
satisfactory, the prediction error is high for small radii. Diagnostically it is of importance to detect inclusions 
when their radius is small, therefore we can voluntarily keep a small non-linearity to get an overestimated 
value of the inclusion radius when the radius is small. To meet this objective, rather than predicting r3, r 2.6 

can be used. When using r2.6 small inclusions are predicted a bit larger, which may be better than predicting 
a too small radius (  0), if the sensor is used for diagnostics. The determination coefficient is also increased 
and Standard Error of Prediction (SEP) is slightly decreased. 
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Fig. 7. Depth prediction using PLS. In (a) the predictions seems theoretically possible if using actual value 
of radius for spectra correction. In (b) it is shown that radius prediction is not accurate enough for 
correcting the spectra and reaching a good SEP.  

The linear depth model investigated involved radius correction of the spectra. Fig.7 shows cross validation 
model performance when using real values and predicted values of radius, respectively, for spectra 
correction. The results show that it could be possible to reach a good prediction of depth using very accurate 
prediction of radius. Unfortunately, the predicted radius values do not sufficiently well reach the theoretical 
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performance and cannot be used to remove this dependence for subsequent analysis. Thus, the model cannot 
be used for accurate depth prediction due to too low performances. 

4.3. LS-SVM modeling 
As for the PLS model, several EPO preprocessing models with varying numbers of components have been 
tried for improving performance and stability of the LS-SVM models. Fig. 8 gives the SECV depending on 
the number of components used for the orthogonal correction.  
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Fig. 8. Performance of the LS-SVM models. (a) SEP depending on number of components used for EPO 
processing. (b) Value of  (solid line) and  (dashed line) for each model. 

When using three components for EPO, LS-SVM performance seems to be slightly improved. Probably the 
most interesting effect of EPO is shown by the tuning parameter variation. The kernel width parameter, , is 
increased from 1.2 without EPO to 5 with three components correction. This increase of width parameter 
indicates that the model gets less non-linear. With a wider kernel more samples have a similarity degree, 
given by the RBF function, different than zero. The prediction of a new sample will then be based on more 
samples of the calibration database. The regularization parameter, , is decreased from 2000 to 120 as can be 
seen in Fig. 8. Typically, this result indicates that the regression coefficient becomes less complex and gain 
in stability. According to complexity and performance level, the LS-SVMr model selected was the model 
based on EPO pre-processing with three components.  
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Fig. 9. Radius prediction using LS-SVM and EPO pre-processing. 

Fig. 9 shows the results when using this model for predicting the radius of the test set. The performance is 
clearly better than for the PLS model. Even without reference value pre-processing, LS-SVM is better. 
Compared to the linear technique, the samples with small radius are more accurate predicted. SEP is reduced 
by a factor of two. This result demonstrates the ability of LS-SVM methods to deal with non-linear 



10

problems. LS-SVM also appears to be less sensitive to external effects. With PLS, a residual effect can be 
noticed on the prediction plot where a reference value results in different predicted values. An interfering 
factor is the depth, which probably affects the spectra in a non-linear way. With LS-SVM this effect cannot 
be seen on the prediction plot. Since SVM is based on similarity between samples, the model can take into 
account non-linear external effects if a part of calibration sample variation is due to this effect. 
Table 1 shows the results of LS-SVMd models aiming at depth prediction. For each model the kernel 
parameter (σ) and regularization parameter (γ), Standard Error of Calibration (SEC), SECV and R² are 
given. SECV have been evaluated using 10 subsets, which each consists of 39 samples, rather than full cross 
validation, which is very time consuming with SVM. The first model based on raw spectra gives an over 
fitted model with a very good SEC and R² but a very high SECV. R² in cross validation is close to 0.4. 
Another important criterion is the very small kernel parameter (0.03) which induces a high non-linearity and 
therefore an increased sensitivity to over fitting. This model cannot be used for predicting the depth precisely 
(not shown). The EPO with 3 components pre-processing confer better stability and prediction ability to the 
model, with an increased kernel width parameter, a decreased regularization parameter and R2 reduced to 
0.87.  

Table 1. LS-SVM models for depth prediction 
Model Sigma 

(σ)
Gamma 
(γ)

SEC
(mm) 

SECV
(mm) 

R²

      
Unprocessed  0.03 200 0.17 2.49 1 
+ EPO (3cp) 1.2 50 1.17 1.72 0.87 
Processed+1 cp EPO 7.7 4000 1.06 1.47 0.89 
Processed+2 cp EPO 2 120 0.22 0.90 0.99 
Processed+3 cp EPO 2.5 50 0.37 0.88 0.99 
Processed+4 cp EPO 2.8 100 0.43 1.04 0.98 
Processed+5 cp EPO 2.6 120 0.46 1.14 0.98 

The rest of the models presented in Table 1 include a processing of the spectra using the radius prediction 
and an EPO. Increasing the number of components used for EPO from 1 to 3, results in a global performance 
increase:
(i) Regularization parameter fall from 4000 till 50, hence the regression coefficient gets less noisy 
(ii) Kernel width parameter is stabilized around a constant value 2.5  
(iii) R² increases towards 1 
(iv) SEC and SECV become more similar. 
When 4 or 5 components are used for the EPO, the regularization parameter and SECV are unfavorably 
affected. This observation indicates that too much information is removed from the spectra which weaken 
the performance of the model. According to these considerations, the best selected LS-SVMd model was 
based on radius processing and EPO with 3 components. 
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Fig. 10. Depth prediction performance on the test set with an LS-SVM model using EPO with 3 components 
and pre-processing of spectra using radius prediction. 
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In Fig. 10 the results of the depth prediction of the test set using this model are illustrated. As can be seen 
only a few samples are not well predicted. This can be seen as a consequence of inaccurate radius prediction 
that will then bring errors to the spectral correction. Main performance criteria are even better than the 
theoretically best PLS model using actual radius correction. In reality it was not possible to reach a good 
PLS model due to the non-linear behavior of the problem.  
EPO seems an interesting approach for pre-processing spectra when applying SVM. Kernel methods such as 
LS-SVM calculate a similarity level between samples. For this reason, the influence of external parameters 
may impair the similarities between neighbor samples, which will damage LS-SVM performances. To cope 
with this issue, a PLS model can be used for pre-processing, PLS scores are then used as input into the LS-
SVM model [18]. In this case, the prior projection into a linear space (PLS pre-processing) before a non-
linear modeling might limit model performances. In comparison, EPO simply removes the interfering 
subspaces; the clean subspace still contains the non-linear relationships with the reference values. Thus, LS-
SVM modeling will be more efficient with this type of pre-processing.  
LS-SVM appears to be the most interesting modeling approach for predicting both radius and depth using 
fluorescence techniques. This study was performed on a simulated fluorescence data set based on some 
simplifications. In tissue the inclusion most probably would have an arbitrary shape, although the 
simplification of a sphere may hold for many cases. The choice of fluorescence contrasts in the data set was 
also arbitrarily selected. Future work includes experimental studies on tissue phantoms to verify how well 
the models work with experimental data and find the limitations. The concept of using multispectral data as 
input to LS-SVM models could provide useful information in finding the location of a fluorescent inclusion 
for applications like tumor diagnostics or give additional information for treatment progression in 
longitudinal animal studies [4]. The intended use of the algorithms presented here is to define the region of 
interest in a tissue volume [26]. Given this region the robustness of the quantitative analysis, i.e. 
concentration reconstruction, is enhanced. 

5. Conclusion 
Radius and depth prediction of an inclusion inside tissue using fluorescence is a difficult topic, mainly due to 
the non-linear relationships between various parameters. It has been possible to obtain a satisfactory PLS 
model for radius prediction using a convenient reference value processing. However, the depth of the 
inclusion cannot be predicted using PLS. Introducing pre-processing based on physical analysis result in 
poor PLS models. In contrast to PLS, LS-SVM gives a good level of performance for both depth and radius 
prediction. EPO was successfully used for improving the model further. For depth prediction EPO pre-
processing is mandatory for reaching good performance. This clearly indicates the application of this method 
as a spectral pre-processing tool for non-linear models. The presented study demonstrates the non-linear 
relation of the depth and radius to the fluorescence signal. A further investigation of the best modeling 
method could be to compare the SVM performance with kernel-PLS [27] and neural networks. 
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ABSTRACT 

Although the benefits of topical sensitizer administration have been confirmed for photodynamic therapy 
(PDT), ALA-induced protoporphyrin IX is the only sensitizer clinically used with this administration route. 
Unfortunately, ALA-PDT results in poor treatment response for thicker lesions. Here, selectivity and depth 
distribution of the highly potent sensitizer meso-tetra(hydroxyphenyl)chlorin (mTHPC), supplied in a novel 
liposome formulation was investigated following topical administration for 4 and 6 hours in a murine skin 
tumor model. Extraction data indicated an average (± SD) mTHPC concentration within lesions of 6.0 
(±3.1) ng/mg tissue with no significant difference (P<0.05) between 4 and 6 hour application times and 
undetectable levels of generalized photosensitivity. Absorption spectroscopy and chemical extraction both 
indicated a significant selectivity between lesion and normal surrounding skin at 4 and 6 hours, whereas the 
more sensitive fluorescence imaging setup revealed significant selectivity only for the 4 hour application 
time. Absorption data showed a significant correlation with extraction, whereas the results from the 
fluorescence imaging setup did not correlate with the other methods. Our results indicate that this sensitizer 
formulation and administration path could be interesting for topical mTHPC-PDT, decreasing the effects of 
extended skin photosensitivity associated with systemic mTHPC administration. 

Keywords: pharmacokinetics, fluorescence imaging, absorption spectroscopy, photodynamic therapy, 
mTHPC 

1 INTRODUCTION 
Photodynamic therapy (PDT) as a cancer treatment modality has shown promising results both in terms of 
efficacy and selectivity.1 The PDT effect is caused by a combination of treatment induced apoptosis and 
direct necrosis,2 vascular damage3 and possibly an elicited immune response,4 where the extent of tissue 
damage depends on the total light dose, the tissue oxygenation and the sensitizer concentration.5 The most 
common administration route is intravenous injection, leading to an extended photosensitivity following 
treatment for some sensitizers.6

In the case of easily accessible and thin lesions, e.g. superficial skin malignancies, topical sensitizer 
application is highly desirable from a clinical point of view. ALA-induced protoporphyrin IX is a 
photosensitizer that has been used with this administration route for the treatment of various skin tumors.7
To overcome the poor skin permeability caused by the hydrophilic character of the ALA-molecule, several 
groups have investigated the selectivity and penetration depths of some of its esters. Utilizing the less 
hydrophilic methyl esterified ALA-Me, good tumor selectivity has been observed both in animal skin 
tumor models and in human basal cell carcinomas (BCCs).8,9 However, the limited light penetration of the 
activating light,10 the localization of the protoporphyrin IX molecule within biological tissue11, and the 
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relatively low extinction coefficient of this sensitizer12 are additional factors that might limit the treatment 
efficacy.7,13

In contrast to protoporphyrin IX, meso-tetra(hydroxyphenyl)chlorin (mTHPC) has been reported as one of 
the most efficient sensitizers, as relatively small drug and light doses are required in order to achieve 
treatment response.14 Though, the hydrophobic mTHPC molecules form aggregates in aqueous 
surroundings, leading to limited transportation of the sensitizer within biological media, tumor selectivity 
and PDT efficacy.15-17 Gupta et al. have reported on PDT following topical mTHPC administration for 
treatment of Bowen’s disease and BCCs.18 In this study, the overall pathological tumor clearance was 
limited to 32% at the 2-month follow-up. The authors suggest the method of topical sensitizer application 
and mTHPC formulation were the primary limiting factors. In an effort to improve efficiency of topically 
administered drugs, the use of liposomes as drug delivery vehicles has been reported to increase skin 
penetration for some active substances.19 For example, ALA has been encapsulated into liposomes, leading 
to an improved retention within the epidermis and dermis in an in vitro skin model.20 By incorporating the 
hydrophobic PDT-agent bacteriochlorin a into liposomes, an increased oxygen consumption and decreased 
cell survival during PDT in cell cultures was observed as compared to the raw formulation.21 Furthermore, 
the use of liposomes as carrier of benzoporphyrin derivative monoacid ring A resulted in better PDT 
efficiency in a mouse tumor model.22 These effects have been explained by monomerization of the 
sensitizer,21 a different micro-localization within the cells and an increased association with low density 
lipoproteins when incorporating the sensitizers into liposomes.21,22

In the present study, the sensitizer distribution following topical application of a novel gel formulation 
containing liposome-encapsulated mTHPC, referred to as mTHPC-gel, is investigated in an animal skin 
tumor model. The drug-accumulation interval in this study is restricted to 4 and 6 hours, as clinically 
relevant for topically applied PDT photosensitizers.23 In addition, the application of this new mTHPC 
formulation for several hours is possible as the compound is supplied in a heat-setting gel. Chemical 
extraction and non-invasive optical methods are utilized for investigating the selectivity between lesion and 
normal skin. In addition, the mTHPC concentration within the internal organs is monitored to assess the 
level of generalized photosensitivity. 

A further incentive of the present study is the comparison of fluorescence and absorption spectroscopy to 
chemical extraction as methods for quantifying sensitizer concentration. The combination of a strongly 
fluorescing and absorbing PDT agent and superficially located lesions makes fluorescence imaging and 
absorption spectroscopy attractive tools for non-invasive studies of sensitizer concentration. These methods 
have the additional advantage that they can provide information in realtime. On the other hand, as the 
fluorescence signal depends on tissue optical properties, it is difficult to utilize the absolute fluorescence 
level to quantify the sensitizer concentration, especially within heterogeneous media. For the absorption 
spectroscopy data, the effect of varying tissue absorption can be handled by studying the total absorption 
imprint of tissue and exogenous chromophore over a sufficiently broad spectral interval. 

In the present work, imaging of the tissue and sensitizer fluorescence levels is performed utilizing a near-
ultraviolet light source and detection at a few selected wavelengths. The absorption spectroscopy setup 
utilizes a fiber optical source-detector pair, where the source-detector separation has been chosen to make 
the method insensitive to variations in scattering parameters for the range of scattering values typically 
found in biological tissue.24 The predicted sensitizer concentration is tested for correlation between the two 
optical methods and the chemical extraction and we comment on the accuracy of the optical methods for 
this tumor model and measurement geometry. 

2 Materials and Methods 

2.1 mTHPC-gel preparation 
The compound is comprised of a liposomal formulation of mTHPC in a thermogel matrix (biolitec AG, 
Jena, Germany) with a sensitizer concentration of 0.5 mg mTHPC/ml gel. The liposome formulation 
(Foslip) is based on dipalmitoylphosphatidylcholine (DPPC), monosaccharide, water and polyoxyethylene 
polyoxypropylene block copolymers and encapsulates the mTHPC.25 The mTHPC-gel is liquid at the 
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storage temperature of 4°C but forms a highly viscous gel when heated by the skin to temperatures above 
26°C. The thermo-thickening thus aids in increasing the retention time of the applied gel and transfer of the 
sensitizer into the tissue. No penetration enhancers are added to the mTHPC-gel. 

2.2 Animal procedures 
Malignant skin tumors were induced in seven male albino hairless mice (SKH-HR1), 8-10 weeks old and 
weighing 30-35 g. For skin carcinoma induction a two stage model of carcinogenesis was utilized with 
DMBA (7,12-dimethylbenz(a)anthracene) as initiator and ultraviolet radiation as skin cancer promoter. 
Details on the procedure for induction of skin carcinogenesis have been published by Kyriazi et al..26

Tumors first appear as benign papillomas, progressing towards more malignant states, and finally 
developing into basal (10%) and squamous (80%) cell carcinomas as determined after histopathological 
examination of representative specimens. In the remaining 10%, no malignant transformation appears. This 
progress is consistent with previously described studies in hairless mice.27 Here, tumor diameters ranged 
between 0.2 and 1 cm, where mice with tumor diameter greater than 1 cm were euthanatized for ethical 
reasons. The study was carried out according to the guidelines established by the European Parliament and 
Council Directive 2003/65/EC and the Greek Animal Ethics Committee. 

Twenty μl of mTHPC-gel was applied topically on each of the areas investigated, i.e., tumor, normal skin 
and skin in the immediate vicinity of the tumor. The sensitizer concentration was studied at 4 or 6 hours 
after mTHPC-gel administration utilizing non-invasive optical techniques. Three animals with a total of 10 
lesions and another three animals with 5 lesions were investigated at the 4 and 6 hour time points, 
respectively. All tissue regions were carefully cleaned prior to fluorescence and absorption measurements 
to remove any gel remaining on the skin surface. In addition, the optical measurements were performed on 
all animals prior to administration of the mTHPC-gel. For all animals, application of the sensitizer and 
optical measurements were performed under general anesthesia (i.p. injection of 20 μl of -hydroxybutiric 
lactone solution in 0.9% sodium chloride (50:50, v:v)). Following the optical measurements at 4 or 6 hours, 
animals were killed by cervical dislocation and the tissue regions previously treated with the mTHPC-gel 
were excised for extraction measurements. In addition, the mTHPC concentration in blood, liver, spleen, 
muscle and normal skin where no sensitizer had been applied was also investigated by means of extraction. 
In vivo optical measurements were also performed for two lesions in another animal at 1.5, 3 and 5 hours 
after sensitizer application in an attempt to follow the temporal mTHPC concentration profile within a 
single animal. Though, prior to the spectroscopic investigations at 1.5, 3 and 5 hours, the tissue regions had 
to be carefully cleaned to avoid measuring fluorescence from mTHPC within the gel remaining only on top 
of the skin surface. After the optical measurements at 1.5 and 3 hours, another 20 μl of the mTHPC-gel was 
administered to allow further sensitizer accumulation. This procedure was thus slightly different from that 
employed for the remaining animals as it resulted in the application of three 20 μl aliquots of the sensitizer 
gel. After sacrificing the animal at the 5 hour drug-light interval, the mTHPC fluorescence and absorption 
levels were also investigated throughout a vertical cut of the two excised tumors in order to study the depth 
distribution.  

2.3 Fluorescence imaging 
A 405-nm continuous-wave diode laser (Power Technology Inc., Little Rock, Arkansas) emitting 2.1 mW 
was used to induce fluorescence within a 27-mm diameter area. The tissue autofluorescence at 500 (±10
nm) and mTHPC fluorescence at 654 nm (±20 nm) were filtered out using bandpass filters (Oriel, Stratford, 
Connecticut) and imaged using a cooled, intensified CCD (iStar, Andor Technology, Belfast, Northern 
Ireland). Two cut-off filters, GG475 and GG455 (Schott, Mainz, Germany), were used to attenuate the 
reflected excitation light. All data was compensated for differences in spectral response using a NIST-
traceable light source. 

For each animal, the fluorescence intensities at 654 and 500 nm were averaged within each investigated 
tissue region. The mTHPC distribution was quantified by a dimensionless contrast function resulting from 
forming a spectral ratio between the two detection bands; 
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I(654 nm) and I(500 nm) denote the fluorescence intensity at the two wavelengths and Ibkg is a constant 
background level originating from the dark current of the detector. 
For this setup, the mTHPC detection limit was below 0.005 μM in liquid phantoms containing ink (Pelikan 
Fount India Ink, Hannover, Germany) at volume concentrations of 0.35-1.05%, giving background 
absorption of 0.2-0.6 cm-1, and Intralipid (Fresenius Kabi, Uppsala, Sweden) at volume concentrations of 
2.8-3.7%, resulting in a reduced scattering coefficient between 7 and 9 cm-1.

2.4 Absorption spectroscopy 
The optical absorption setup together with the accuracy and validity of the method have been described in 
greater detail elsewhere.24,28 Briefly, the output from a pulsed Xenon short-arc lamp was delivered by a 400 
μm diameter optical fiber and, after interacting with the tissue, the transmitted light was collected by a 200 
μm diameter fiber. The center-to-center distance between delivery and collection fibers measured 2.0 mm. 
An S2000 miniature spectrometer (Ocean Optics Inc., Dunedin, Florida) was used to disperse and detect 
the collected light. Wavelength dependent fluctuations in source output and detector response were 
accounted for by taking a reference measurement from a spectrally flat diffuse reflector based on 
Spectralon material (Lab Sphere Inc., Cranfield, UK) in connection to each measurement sequence. 

For source-detector separations in the range 1.5 to 2.6 mm, the pathlength of the collected photons has been 
shown to be relatively insensitive to variations in tissue scattering.24 Therefore, the Beer-Lambert’s law can 
be used to assess changes in tissue absorption. The negative logarithm of the transmission signal measured 
after the addition of an absorber, ( ) ( )0

2 aaII μμλ +Δ= , to that before, ( ) ( )0
1 aII μλ = , is given by;28
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In Eqs. (2-6), the wavelength-dependence of the absorption coefficients and the transmission signals is 
omitted for purpose of clarity. Although the pathlength is insensitive to scattering variations, the amount of 
collected light might change between measurements and hence the appearance of the factor B.

( )0
aaeffL μμ +Δ  denotes the effective pathlength, which depends on the total absorption coefficient. To 

determine this dependence, a non-sequential ray tracing software package (ASAP 8.0.3, Breault Research 
Organization, Tucson, Arizona) was used to track the pathlengths of collected rays for a geometry matching 
the experimental setup. For these simulations, the source and detection fibers, having diameters as stated 
above and a numerical aperture of 0.22, were separated by 2 mm. The scattering and anisotropy coefficients 
were kept constant at 10 cm-1 and 0.9, respectively. 167 million rays were simulated in the absence of 
absorption and the optical pathlengths, Li, for all detected rays were stored. The effect of tissue absorption 
on the optical pathlengths was added to the simulation results and the effective pathlength for different 
absorption coefficients was evaluated by Eq. (3): 
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Here n denotes the refractive index and N equals the number of detected rays, in this case 1.4 and 1000, 
respectively. The absorption coefficient, μa, was allowed to vary between 0.001 and 5 cm-1 in steps of 
0.001 cm-1. In contrast to the work by Mourant et al.28, where a slightly smaller fiber separation was used, 
no single functional dependency could adequately fit the effective pathlength to the total absorption 
coefficient over the entire absorption range. Therefore, a nearest-neighbor spline interpolation was used to 
describe the dependence of the effective pathlength on the total absorption coefficient. 

In earlier work, Eq. (2) was in fact evaluated from measurements before and after addition of an exogenous 
absorber.28 Here, both I1 and I2 are evaluated from a single measurement. By assuming that tissue 
absorption at 900 nm is dominated by water at a constant concentration of 60%, I1 can be expressed as; 
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where I(900nm) is the detected signal at 900 nm. Furthermore, I2 is given by the detected signal and is 
described as before; 

( ) ( )water
aaaa III %600

2 μμμμ +Δ=+Δ= .     (4b) 
Since both transmission signals originate from a single measurement, the factor B is eliminated and Eq. (2) 
is modified to: 
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The function “lsqnonlin” in Matlab (MathWorks, Natick, Massachusetts) was used to solve for Δμa from 
Eq. (5). The spectral fitting interval was 500 to 800 nm. A singular value decomposition (SVD) algorithm 
was used to fit the extinction coefficients of relevant tissue chromophores to the calculated change in 
absorption coefficient. The SVD algorithm provides the best fit of a linear combination of a certain number 
of basis spectra to a data set and has been used previously in order to analyze fluorescence29 and broad-
banded reflectance spectra.30 The extinction coefficients included in the evaluation of the absorbance data 
were those of mTHPC, deoxy- (Hb) and oxyhemoglobin (HbO).31 In addition, the mTHPC fluorescence 
spectrum was included in the model since experimental work gave evidence that the shorter wavelengths 
within the light source did induce detectable sensitizer fluorescence also in the presence of strong tissue 
absorption. This fluorescence component partly overlaps the absorption peak at 652 nm, leading to an 
underestimated mTHPC concentration if fitting the sensitizer extinction coefficient to this peak only. Δμa
could thus be expressed as: 

( )++Δ+Δ+Δ=Δ
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2
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i
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where the Δc’s denote concentration changes and the ε’s are the corresponding extinction coefficients. 
M(λ) and A are the sensitizer fluorescence spectrum and fluorescence amplitude, respectively. The last 
summation on the right hand side of Eq. (6) was included in order to account for tissue autofluorescence 
overlapping the absorption signals. The number of components within this summation was determined 
empirically by minimizing the residuals returned by the algorithm. The magnitude of M(λ) and the weights 
ωi were chosen to match the magnitudes of the chromophore extinction coefficients. For each absorption 
spectrum, the SVD algorithm returned the chromophore concentrations, i.e. the Δc’s, the mTHPC 
fluorescence amplitude, A, and the individual Ci’s. The ΔcmTHPC was used to predict the mTHPC 
concentration from each measurement. The sensitizer level was determined by the average ΔcmTHPC from 2-
5 absorption spectra acquired for each animal, tissue type and investigation time point, i.e. at 0 and 4 or 6 
hours. For the absorption spectroscopy data, the error of the fit was quantified as: 
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where the summation includes the spectral fitting interval 500-800 nm and m denotes the number of data 
points within this interval. In the case of negative sensitizer concentration prediction, the mTHPC 
concentration was set to zero and the error of the fit was re-evaluated by only including deoxy- and 
oxyhemoglobin in the SVD algorithm. 

Fig. 1(a) illustrates the different basis spectra used for the SVD algorithm within the spectral fitting range. 
Fig. 1(b) shows in vivo data from a lesion 4 hours after sensitizer administration together with the fit and 
the corresponding residuals. For this measurement, the predicted concentrations were 1.3, 11.6 and 8.9 μM
for mTHPC, deoxy- and oxyhemoglobin. The mTHPC fluorescence amplitude was +1.7⋅10-6 a.u. It should 
be emphasized that the analysis of the absorption spectra assumes homogeneous medium. For this situation, 
the accuracy of the setup and method of data analysis was confirmed in TiO-based liquid phantoms with 
scattering similar to those levels encountered in normal tissue (μs’~ 5-15 cm-1) and sensitizer concentration 
between 2 and 20 μM. The lower mTHPC detection limit was approximately 0.5 μM within the same set of 
liquid phantoms as described in Section 2.3.  
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Fig. 1 (a) mTHPC fluorescence and extinction coefficients of mTHPC in ethanol, deoxy- (Hb) and 
oxyhemoglobin (HbO). The components constituting the background signal are not shown for purpose of 
clarity. Absorption and fluorescence data for mTHPC was kindly provided by biolitec AG. (b) Absorption 
data from animal 2. Also shown are the fit and the corresponding residuals.  The error of the fit was 0.029. 

2.5 Extraction 
Tissue samples, weighing 100-200 mg, were homogenized in 3 ml of dimethyl sulfoxide (DMSO) at 
24,000 rpm (T18 Basic Ultra Turrax, IKA, Staufen, Germany). The homogenate was centrifuged at 800g 
(3000 rpm) for 20 min (EconoSpin, Sorvall Instruments DuPont, Wilmington, Delaware). The supernatant 
was collected and following excitation at 420 nm, the fluorescence signal was recorded between 460 and 
700 nm using a luminescence spectrometer (LS 45, Perkin Elmer, Buckinghamshire, UK). The detected 
fluorescence intensity at 652 nm was used to provide an absolute measure of sensitizer concentration after 
appropriate calibration. Blood samples were centrifuged at 360g (2,000 rpm) for 10 min in order to separate 
out the plasma. Fifty μl of plasma were mixed with 2950 μl DMSO for further analysis according to the 
same procedure as for the other organs. The lower detection limit for the extraction setup was 0.04 ng 
mTHPC/mg tissue, which corresponds to approximately 0.06 μM assuming a tissue density of 1.06 g/ml. 

2.6 Statistical analysis 
To study agreement between two methods, the correlation of the data from each technique was calculated 
using Eq. (8): 
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Here, ( ) ( )[ ]yx mymxEyx −⋅−=),cov( , where E denotes the mathematical expectation, x and y
represent the mTHPC quantity as determined by each method and mx and my are the corresponding 
averaged mTHPC quantities. For comparison of two means, a two-sided Student’s t-test was used where 
P≤0.05 was considered significant. 

3 RESULTS 
The extraction results indicated preferential accumulation of mTHPC in lesions as compared to normal skin 
both at 4 and 6 hours after sensitizer application. The average mTHPC concentration in lesions was 6.0 
ng/mg tissue with a standard deviation (SD) of 3.1 ng/mg. No significant difference could be identified 
between the two drug-light intervals. Sensitizer levels in liver, spleen, blood, muscle and normal skin where 
no mTHPC-gel had been applied were below the detection limit, indicating mTHPC concentrations below 
0.04 ng/mg tissue. 
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Fig. 2 (a) Room-light image showing lesions and surrounding skin for animal 3. (b) Fluorescence signal at 
654 nm showing selective accumulation of mTHPC.  

Fig. 2 shows room-light and 654-nm fluorescence images of three lesions 4 hours after application of the 
mTHPC-containing gel. The temporal profile of the mTHPC build-up assessed by the fluorescence imaging 
technique is shown in Fig. 3(a), where the averaged contrast function value is plotted as a function of 
mTHPC-gel application time for lesion (t), normal skin (n) and skin surrounding the visible lesion (tn). The 
data indicated significant sensitizer selectivity within lesions for 4 but not 6 hours drug-light interval. Only 
normal skin (n) indicated a significant difference between 4 and 6 hour application times.  

As for the extraction data but in contrast to the fluorescence results, the absorption spectroscopy data 
revealed a selective sensitizer accumulation within lesions for both drug-light intervals. The temporal 
profile of the calculated mTHPC concentration within lesions is shown in Fig. 3(b). For this tissue type, no 
significant differences in sensitizer build-up could be identified for the two different mTHPC accumulation 
times. Resulting mTHPC levels for normal skin and intact skin in close proximity to the lesion were below 
the detection limit of the setup and are therefore not shown. The model for the SVD algorithm, including 
mTHPC, deoxy- and oxyhemoglobin extinction coefficients and mTHPC fluorescence, resulted in good 
agreement with measurement data. The average fitting errors, evaluated according to Eq. (7), were 0.064 
and 0.050 for lesion and intact skin in close proximity to the lesion, respectively. The fitting errors 
displayed no statistically significant differences with tissue type and drug-light interval.  

Fig. 3(c) shows the extraction data for each individual lesion, illustrating large inter-tumor variations in 
sensitizer concentration. In general, lesions displayed a heterogeneous tissue structure sometimes also 
presenting necrotic areas. The high variability in mTHPC concentration was most likely influenced by the 
differences in tissue composition. Fig. 3(d) is a scatter plot illustrating the agreement between absorption 
and extraction data where each marker represents data from a specific lesion. The solid line shows the best 
fit in a linear-least square sense whereas the dashed line represents the ideal fit. The slope of the correlation 
curve was 1.2. The overestimation of the mTHPC concentration by the absorption data is mostly due to the 
outlier at >30 μM as measured by the absorption technique. For tumor tissue, the absorption and extraction 
data showed a significant correlation (P<0.05) with a correlation coefficient of 0.72. On the other hand, the 
fluorescence contrast ratio displayed no significant correlation to the other methods. 
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Fig. 3 (a) Contrast function value for normal 
tissue (n), tissue in close proximity to lesion (tn) 
and lesion (t). Each marker represents the 
averaged F-value and error bars denote ±1 SD. 
(b) Temporal profile of the average mTHPC 
concentration within lesions as estimated by the 
absorption spectroscopy probe. (c) mTHPC 
concentration as determined by extraction for 
each lesion in six animals. (d) Scatter plot 
illustrating the covariance between absorption 
and extraction data for all lesions.  

Fig. 4 (a) Digital photograph showing cross 
section of a vertical cut through a tumor. (b) 
Fluorescence contrast function image for the 
same tumor. The tumor surface and deepest 
tissue region are indicated by the bright dashed 
lines. (c) Fluorescence contrast function value 
along the thin dashed line in part b of the figure. 
The dashed lines indicate the average F-value ±1
SD for all lesions. (d) mTHPC concentration as 
measured by the absorption spectroscopy probe. 
Measurement positions are marked in part b of 
the figure. 

Fig. 4(a) is a photograph of one excised lesion, approximately 4 mm in depth, sliced parallel to its depth 
axis. The fluorescence contrast function image of the same lesion is presented in Fig. 4(b), illustrating the 
heterogeneous structure of the mTHPC content. Fig. 4(c) shows the fluorescence contrast value (F-value) 
along the depth profile marked by the thin dashed line in Fig. 4(b). As a comparison, the average (±1 SD) 
F-value for all lesions in vivo is also included in the graph. The mTHPC concentration assessed by the 
absorption technique is plotted in Fig. 4(d) for three measurement positions, also showing the decrease in 
sensitizer concentration with depth. Possibly due to the administration of a total of three 20-μl aliquots of 
the mTHPC-gel, in vivo absorption measurements on this lesion via the surface of the intact tumor 
indicated sensitizer levels slightly higher than for the remaining animals as tested by a one-sided Student’s 
t-test (P 0.05). The second lesion used for investigating the sensitizer depth penetration did not display 
significantly higher mTHPC concentration as compared to the other lesions. Though, some caution should 
be exercised when interpreting the sensitizer depth distribution from Fig. 4. 

4 DISCUSSION 
Topical application of ALA has been successfully used in combination with superficial PDT of skin 
malignancies.7 By employing methyl esterified ALA-Me, an improved tumor selectivity8 as well as 
homogeneous protoporphyrin distribution down to 2 mm in human BCCs9 have been achieved. Though, 
protoporphyrin IX still remains a PDT agent resulting in relatively limited treatment efficacies.7,13

This work reports on the first use of a topically applied liposomal mTHPC-formulation in a non-melanoma 
skin carcinoma model. This mTHPC-gel was investigated as a possible alternative to ALA-PDT and 
systemic administration of mTHPC, suffering from poor treatment outcome for thicker lesions and 
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prolonged photosensitivity, respectively. In the present study, significant sensitizer selectivity in lesions as 
compared to skin with intact stratum corneum was observed from extraction and optical absorption data for 
both 4 and 6 hour drug-light intervals. In fact, the mTHPC concentration within tissue characterized by an 
undamaged upper skin layer was below the detection limits of these setups. The extraction results from 
internal organs and normal skin where no mTHPC-gel had been applied showed no trace of the sensitizer, 
indicating undetectable levels of generalized photosensitivity. Data from the fluorescence imaging setup 
also indicated no significant variation in sensitizer concentration within lesions for the two application 
times. Though, increased mTHPC fluorescence was observed between the 4 and 6 hour application times 
for gel-treated normal skin with an intact stratum corneum, possibly due to the higher sensitivity of this 
setup. For the fluorescence spectroscopy data set, the selectivity between lesion and normal skin was thus 
only significant for the shorter drug-light interval, indicating an optimal drug-light interval of 4 hours for 
the present skin tumor model.  

The observed sensitizer distribution is likely due to differences in the ability of mTHPC and liposomes to 
penetrate the tissue layers. The absence of stratum corneum over the lesion seems to facilitate the sensitizer 
penetration, whereas intact skin prevents the lower tissue layers from accumulating any substantial amount 
of mTHPC. Supporting the present observations, Schmid et al. state that intact liposomes penetrate only 
very superficial parts of the normal epidermis, whereas damaged skin constitutes a less efficient barrier.32

The diffusion of liposome-encapsulated ALA through healthy mouse skin has been shown to require tens of 
hours,20 and this slow process could be explained by the way liposomes are believed to interact with intact 
skin, first adhering to and then disrupting the upper tissue membranes. The liposomes hence act as 
penetration enhancers.19 These previously published results are in agreement with the increasing, although 
still low, mTHPC levels found in normal mouse skin for the 6 hour administration time.  

For tumor tissue, the large variations in mTHPC concentration and the lack of significant differences 
between 4 and 6 hour drug-light intervals could be due to a sensitizer build-up within lesions mostly 
determined by the tissue composition and the status of the uppermost layers. For example, it was noted that 
necrotic regions displayed overall lower sensitizer levels. It is also reasonable to suspect the depth 
penetration of the sensitizer to depend on the status of the upper skin layers. Within the lesions for which 
the sensitizer depth penetration was investigated, the mTHPC concentration was in the range of μM down 
to depths of 3-4 millimeters. Similar results have been reported by Peng et al., where good selectivity and 
homogenous sensitizer distribution down to 2 mm in human BCCs were observed following topical 
application of ALA-Me.9 Since the liposomal mTHPC-formulation was not compared to its pure analog, it 
is difficult to determine the effect the use of liposomes had on the sensitizer distribution and depth 
penetration within the present study.  

The mTHPC levels observed within lesions in the present study are in the range shown to induce significant 
PDT effects once irradiated at an appropriate wavelength.33 Though, another factor important to the PDT 
outcome is the localization of the sensitizer molecule within the tissue and the cell. In the case of systemic 
mTHPC administration, short drug-light intervals result in vascularly targeted PDT,33 whereas longer time 
periods allow the sensitizer to localize within the cells, targeting for example mitochondria.34 In the case of 
topical mTHPC administration, the mTHPC levels found in blood were low for all time points investigated. 
We thus anticipate the PDT effect to more strongly correlate with maximum sensitizer concentration within 
the lesion and display less pronounced vascular effects.  

In parallel to the extraction study, fluorescence imaging and absorption spectroscopy were evaluated as 
non-invasive methods for assessing sensitizer content in vivo. The fluorescence imaging setup has the 
advantage of being a more sensitive tool than the absorption spectroscopy probe. Furthermore, the ability to 
image larger areas quickly provides valuable information on the spatial sensitizer distribution. Though, for 
the range of optical properties found in biological tissue, the effective penetration depth of the near-ultra 
violet light used for exciting the mTHPC fluorescence is on the order of a couple of hundred micrometers, 
making the fluorescence imaging method applicable only when studying very superficial tissue regions. In 
addition, the fluorescence signal is highly dependent on tissue optical properties, making it difficult to use 
the absolute fluorescence level as a reliable concentration estimate. Within this study, the surface of the 
lesions displayed a heterogeneous structure, sometimes including superficial areas of dark necrotic regions. 
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The shallow investigation volume in combination with sensitivity to the optically heterogeneous tissue 
could thus explain the lack of significant correlation between extraction and fluorescence data.  

In contrast to the fluorescence signal, the absorption spectroscopy data correlated rather well with the 
extraction results. One reason for the better agreement could be the higher overlap of probing volume of the 
two methods. A previous publication has reported on approximate probing depth of 1-2 mm for the 
absorption probe,28 matching the depth of skin tumors likely to be treated by PDT using topical irradiation. 
In addition, since the analysis of the absorption spectrum takes into account the average tissue 
chromophore content, these results are not as easily corrupted by variations in tissue optical properties as is 
the fluorescence data. Though, the relatively high detection limit for the absorption spectroscopy probe is a 
major drawback. It is therefore highly desirable to combine the sensitivity of the fluorescence level with the 
ability of the absorption signal to account for varying tissue absorption. Finlay et al. have demonstrated a 
probe combining white-light absorption with fluorescence spectroscopy to recover the intrinsic tissue 
autofluorescence, i.e. the fluorescence spectra corrected for tissue absorption and scattering.35 By utilizing 
the absorption spectrum to assess the tissue optical properties, the corrected fluorescence signal would 
constitute a more reliable fluorophore concentration estimate. A further drawback of the absorption 
spectroscopy probe is the inherent sensitivity to measurement site within the spatially heterogeneous 
structure of the lesions. The latter effect most likely explains part of the scattered appearance of the 
absorption data in relation to the ideal fit in Fig. 3(d). Furthermore, the outlier at >30 μM as measured by 
the absorption spectroscopy setup could possibly be due to a small amount of mTHPC-gel remaining on the 
skin surface due to its inherent roughness. This effect highlights the importance of careful cleansing of the 
tissue surface prior to optical measurements in order to detect the true sensitizer distribution, i.e. the 
amount of mTHPC that has penetrated into the tissue. 

In connection to this discussion, we emphasize the importance of including the mTHPC fluorescence as 
one of the components of the SVD algorithm. The shorter wavelengths present in the output from the 
Xenon arc lamp induce sensitizer fluorescence overlapping the absorption peak at 652 nm. In contrast to 
the effective pathlength, the fluorescence level is dependent on the sample scattering for this source-
detector separation. Although this was not taken into account in the analysis process as it was outlined in 
Section 2.4, including the fluorescence component significantly improved the accuracy of the setup. By 
simply excluding the sensitizer fluorescence component from the analysis resulted in underestimation of 
the sensitizer concentration by a factor of 1.5 for the investigated lesions. Furthermore, if also limiting the 
spectral fitting range to 630-750 nm in order to avoid the strong hemoglobin absorption bands, the mTHPC 
concentration was underestimated by a factor 2. We conclude that sensitizer fluorescence should be taken 
into account when utilizing the tissue absorption imprint for absolute concentration estimates. A significant 
underestimation has also been reported by Patterson et al. when utilizing a reflectance spectroscopy probe 
with multiple source-detector fibers for determining AlPcS4 concentration in in vivo rabbit skin.36 The 
underestimation of the sensitizer concentration by a factor of 3 was attributed the layered skin structure and 
non-uniform AlPcS4 distribution. Within our work, the investigated tissue was highly heterogeneous also 
presenting a depth-dependent sensitizer concentration. Therefore, these effects constitute another source of 
error as they were not considered in the present evaluation of the optical absorption signal, which assumes 
homogeneous medium. 

In conclusion, we have reported on the use of a topically administered mTHPC-formulation in a murine 
skin tumor model. In this sensitizer formulation, the hydrophobic mTHPC molecule was incorporated into 
conventional liposomes, rendering the sensitizer preparation water soluble. By administering the compound 
via a heat-setting gel, the retention time of the applied gel could be increased. Fluorescence and absorption 
spectroscopy as well as extraction data indicated significant mTHPC accumulation within lesions but no 
difference in tumor sensitizer concentration between the 4 and 6 hour application times. The more sensitive 
fluorescence setup indicated optimal tumor selectivity for the 4 hour drug-light interval. Furthermore, the 
topical administration route led to low levels of systemic photosensitization. Based on these results, this 
sensitizer formulation and administration path would be interesting to pursue for topical mTHPC-PDT. 
Presently, a Phase I clinical trial has been initiated in order to study the feasibility of using the mTHPC-gel 
for treatment of skin tumors. 
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ABSTRACT 
Meso-tetra(hydroxyphenyl)chlorin (mTHPC) (INN: Temoporfin) is one of the most potent photodynamically 
active substances in clinical use. Treatment protocols for Temoporfin-mediated photodynamic therapy often rely 
on drug-light intervals of several days in order for the photosensitizer to accumulate within the target tissue, 
though tumor selectivity is limited. Here, the mTHPC localization was studied at 2-8 hours following systemic 
administration of a liposomal Temoporfin formulation (0.15 mg/kg b.w.) in HT29 human colon adenocarcinoma 
in NMRI nu/nu mice. Photosensitizer distribution within tumor and internal organs was investigated by means of 
HPLC following chemical extraction, as well as in situ fluorescence imaging and point-monitoring fluorescence 
spectroscopy. For tumor tissue, the Temoporfin concentrations at 4 (0.16±0.024 ng/mg) and 8 (0.18±0.064 ng/mg) 
hours were significantly higher than at 2 (0.08±0.026 ng/mg) hours. The average tumor-to-muscle and the tumor-
to-skin selectivity were 6.6 and 2, respectively, and did not vary significantly with time after photosensitizer 
injection. In plasma, the Temoporfin concentration was low (0.07±0.07 ng/mg) and showed no significant 
variation with time. Our results indicate a rapid biodistribution and clearance from the blood stream. Within the 
same type of organ, data from both fluorescence methods generally exhibited a significant correlation with the 
extraction results.  

INTRODUCTION
Photodynamic therapy (PDT) is an investigational clinical method for local treatment of certain types of 
malignancies in various organs. The modality exhibits interesting advantages such as the possibility of repeated 
treatment and restriction of the treatment-induced tissue damage to irradiated sites. In PDT, a photosensitizer is 
excited by absorption of light at an appropriate wavelength followed by energy transfer to oxygen molecules or 
other tissue constituents. The toxic radicals thus formed, of which singlet oxygen is believed to be the most 
important, cause tissue destruction by means of direct cell kill, vascular damage and activation of the anti-tumor 
immune system components (1).  
Meso-tetra(hydroxyphenyl)chlorin (mTHPC) (INN: Temoporfin) is one of the most potent photosensitizers for 
PDT in present use (2) and it has been successfully applied in the treatment of various indications, for example 
head and neck (3), prostate (4) and pancreatic (5) cancer. Strong response to Temoporfin-mediated PDT has been 
observed for short drug-light intervals, when the treatment outcome is mostly influenced by vascular response as 
the photosensitizer is located within blood vessels, vascular endothelial cells and tissue close to blood vessels (6-
8). On the other hand, longer drug-light intervals, i.e. exceeding two days, allow the photosensitizer to diffuse 
further away from blood vessels and into tumor cells (8) possibly leading to a selective uptake in tumors (9,10). 
Clinical Temoporfin-PDT therefore often relies on drug-light intervals in the order of several days during which 
patients are restricted to limited light exposures (3-5). This prolonged skin photosensitivity is one of the 
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disadvantages when using Temoporfin. Due to the high affinity of the drug to bind to lipid structures, which is of 
importance for its relatively high PDT efficiency, the drug diffuses rapidly from the blood stream into surrounding 
tissues, an effect that has been observed to cause problems at the injection site (5,7). Furthermore, the 
hydrophobic character of the molecule leads to poor water solubility and formation of aggregates within aqueous 
media (11), altering the spectroscopic and photosensitizing characteristics of the compound (12). 

 In order to prevent formation of aggregates, prolong photosensitizer circulating lifetimes and to improve water 
solubility, tumor selectivity and PDT response, several research groups have tried different delivery vehicles such 
as liposomes, nano-particles and conjugation to antibodies (13,14). The potential importance of avoiding 
aggregation was observed within a cell culture medium, where encapsulation of the hydrophobic photosensitizer 
bacteriochlorin a in liposomes, thereby promoting monomerization, was shown to increase oxygen consumption 
during PDT and decrease cell survival as compared to its partly aggregated original formulation (15). Possible 
evidence of mTHPC aggregation in vivo has been observed by Hopkinson et al. (16). Richter et al. have studied 
the use of liposomes as carrier of the hydrophobic benzoporphyrin derivative monoacid ring A (BPD-MA), 
reporting on higher absolute photosensitizer concentration within tumor and more pronounced PDT effect as 
compared to the original formulation (17). These findings were attributed to a different micro-localization within 
the cells and an increased association with low density lipoproteins (LDLs) when incorporated into liposomes. 
Pegaz et al. have recently compared two different liposomal Temoporfin formulations (Foslip, containing 
conventional liposomes based on dipalmitoylphosphatidylcholine (DPPC), and Fospeg, based on poly(ethylene 
glycol) (PEG)-modified liposomes) in terms of plasma circulation half-life times and PDT-induced photothrombic 
activity (18). The Temoporfin levels within the vasculature were studied up to 1200 s after photosensitizer 
injection, which is relevant for the treatment of age-related macular degeneration (AMD) by means of PDT. For 
the two formulations investigated, similar fluorescence pharmacokinetic profiles were observed, whereas the 
Temoporfin within the PEGylated liposome carrier proved more efficient for vascularly targeted PDT. In addition, 
the observation of plasma half lives exceeding that of Visudyne®, a photosensitizer commonly used in the 
treatment of AMD, was ascribed to the more stable composition of the liposomes incorporating the mTHPC 
molecules. Fospeg has also been compared to an ethanol formulation of Temoporfin in PDT of feline skin tumors 
(19). In that study, the use of Fospeg demonstrated PDT response in all subjects, higher bioavailability, faster 
distribution and a slightly improved tumor selective uptake as compared to an ethanol formulation of Temoporfin.  

An important issue in improving the understanding of various transportation vehicles for PDT photosensitizers is 
to be able to non-invasively measure the photosensitizer concentration. Optical methods are promising tools for 
tissue diagnostics and measurement of photosensitizer tissue levels in clinical environments. Fluorescence 
spectroscopy can provide signals related to the photosensitizer concentration and has the advantage of being a 
non-invasive technique that reveals results in real time (20). Fluorescence can either be studied in a point-
monitoring mode (21), often using an optical fiber or a thin fiber probe for light delivery and collection, or in an 
imaging mode (22), where larger areas can be examined in a non-contact configuration. An imaging approach 
provides additional information on heterogeneities that are difficult to obtain with a point-monitoring detection 
technique. As Temoporfin is characterized by a relatively strong fluorescence yield, where excitation within the 
near-ultraviolet wavelength region results in distinctive fluorescence around 652 nm, fluorescence spectroscopy is 
a valuable tool in estimating photosensitizer concentration in situ within various tissue types. 
In this work we present ex vivo pharmacokinetic studies following systemic administration of Temoporfin 
incorporated into conventional liposomes based on DPPC. The use of these liposomes provides a good 
biocompatibility. High performance liquid chromatography (HPLC), in this work considered as the 'gold 
standard', and fluorescence spectroscopy, both in point-monitoring and imaging mode, are used to assess 
Temoporfin levels in a subcutaneously implanted HT29 human colon adenocarcinoma model as well as in internal 
organs in a murine model. By employing these three methods, issues such as possible selectivity at short times 
following drug administration (2-8 hours) and heterogeneity of the photosensitizer accumulation are addressed. 
This study adds to the previous work by Pegaz et al. (18) the use of longer time intervals after administration and 
to that by Buchholz et al. (19) the monitoring of Temoporfin concentration within internal organs. Furthermore, 
the possibilities of using non-invasive fluorescence spectroscopy to quantify Temoporfin concentration in exposed 
tissues are explored. The resulting photosensitizer concentrations are tested for correlation between the three 
methods employed and we speculate on how to improve the accuracy in absolute fluorescence level as a 
photosensitizer concentration estimate.  
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MATERIALS AND METHODS 
Photosensitizer. Temoporfin is a dark purple, non-hygroscopic, non-solvated crystalline powder, which is soluble 
in alcohol/acetone/ethyl acetate and practically insoluble in all aqueous media. The single component is of 98 % 
purity with a molecular weight of 680.24 and a fluorescence emission peak at 652 nm. In the novel formulation 
used, Foslip (Biolitec Pharma Ltd, Dublin, Ireland), the hydrophobic mTHPC is bound to the membrane 
compartment of a phospholipid bilayer. The liposome formulation is based on DPPC, monosaccharide, water and 
polyoxyethylene polyoxypropylene block copolymers (18). The liposomes were reconstituted and dissolved in 3 
ml of sterile water to give a photosensitizer concentration of 1.5 mg/ml. Further dilution in 5 % aqueous glucose 
solution provided a photosensitizer concentration of 0.075 mg/ml Foslip. All compounds were stored at 4°C in the 
dark. 

Animal model.  The study was performed on adult female athymic NMRI nu/nu mice (Harlan Winkelmann 
GmbH, Borchen, Germany). All animal experiments were carried out in compliance with the German Animal 
Protection Act. Six to eight-week old mice, weighing 22-24 g, were inoculated subcutaneously in the left and right 
hind thigh with a suspension of HT29 human colorectal carcinoma cells (0.1 ml of 8x107 cells/ml in 5 % glucose). 
Experiments were performed 11 days later, when the tumors had reached a surface diameter of 5-8 mm, and a 
thickness of 2-4 mm. Mice were injected with 50 μL of Foslip, corresponding to 0.15 mg Temoporfin/kg b.w., 
into the lateral tail vein. A dose of 50 mg/kg b.w. sodium pentobarbital injected i.p. was used for anaesthesia. 
Animals were sacrificed at four different time-intervals after injection of Foslip (2, 4, 6 or 8 hours) and samples of 
plasma, spleen, liver, lung, heart, kidney, skin, muscle and the two tumors were excised for HPLC analysis. 
Furthermore, spleen, liver, skin, muscle and tumors were also investigated by imaging and point-monitoring 
fluorescence spectroscopy immediately after animal sacrifice. Both muscle and skin tissues studied were excised 
from regions just at the tumor periphery. All excised tissue samples were stored in darkness at -80°C until the 
HPLC analysis. Three animals without Foslip injection were used as controls. The number of samples investigated 
for each organ, time following photosensitizer administration and method of photosensitizer quantification are 
listed in Table 1. 

Table 1. The number of samples for the time points 2, 4, 6 and 8 hours, respectively. 
Organ/Fluid HPLC Fluorescence point Fluorescence imaging 
Plasma [6 3 3 3] - - 
Spleen [5† 3 3 3] [5 3 3 3] [6 3 3 3] 
Liver [6 3 3 3] [5 3 3 3] [6 3 3 3] 
Lung [6 3 3 3] - - 
Heart [6 3 3 3] - - 
Kidney [6 3 3 3] - - 
Skin [6 3 3 3] [5 3 3 3] [6 3 3 3] 
Tumor [11 6 6 3] [11 6 5† 6] [6 3 3 3] 
Muscle [6 3 3 2†] [5 3 3 3] [6 3 3 3] 

†: 1 sample identified as outlier 

HPLC analysis.  All tissue samples were minced by cutting with a scalpel, weighed and freeze dried (freeze 
drying system Alpha 1-4 LSC, Martin Christ Gefriertrocknungsanlagen GmbH, Osterode, Germany). The 
resulting powdered tissue was weighed and 10-20 mg was transferred to a 2.0 ml reaction tube after which 1.5 ml 
of methanol:DMSO (3:5, v:v) was added. The samples were immediately mixed for 3 to 5 s periods using a vortex 
mixer operating at 2,400 rpm and then incubated at 60°C under continuous shaking for at least 12 hours. All 
samples were spun at 16,000 g in a centrifuge for five minutes. One ml of the supernatant was transferred to a 
HPLC vial for subsequent HPLC analysis. The HPLC device had the following specifications; Pump: "System 
Gold, 126 Solvent Module" (Beckman Coulter Inc., Fullerton, CA, USA), Autosampler: "Triathlon", Diode Array 
Detector: "System Gold, Module 168" (Beckman Coulter Inc., Fullerton, CA, USA) and a Fluorescence detector: 
"RF-10A XL" with interface SS420x (Shimadzu Europa GmbH, Duisburg, Germany). The fluorescence was 
excited at 410 nm and detected at 653 nm. The separation was carried out on a "LiChroCART 250-4" column 
(Merck KGaA, Darmstadt, Germany) with Purospher STAR RP-18 endcapped; 5 μm Guard column: 
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"LiChroCART 4-4" with Purospher STAR RP-18e; 5 μm (Merck KGaA, Darmstadt, Germany) Temperature: 
30°C. The mobile phase consisted of acetonitrile: H2O + 0.1 % trifluoroacetic acid (TFA) = 57.5 %: 42.5 % with a 
flow rate of 1 ml/min. The tissue concentration of Temoporfin, given in ng/mg wet weight, was calculated from a 
calibration curve constructed by plotting the peak height values of Temoporfin standard solutions versus their 
concentrations. 

Fluorescence imaging system. Fluorescence ex vivo measurements using both imaging and point detection were 
performed on the two tumors, skin, muscle, liver and spleen. For the imaging setup, the light source for 
fluorescence induction consisted of 12 light emitting CW diodes with peak emission at 405 nm. The beam radius 
of the spot focused onto the organs was 2.5 cm and the irradiance was approximately 30 μW/cm2. Fluorescence 
emitted by the tissue was recorded by a detection unit consisting of a CCD-camera (C4742-80-12AG, Hamamatsu 
Photonics, Hamamatsu, Japan), a liquid crystal tunable filter having a full-width-half-maximum (FWHM) of 20 
nm (LCTF VIS 20-35, Varispec, CRI, Inc., Woburn, CA, USA) and a zoom objective lens (50 mm focal length 
and f/1.8, Nikon, Tokyo, Japan). The object distance was 23 cm and the field of view of the detection system was 
3.2 x 4.2 cm. Room light images at 550 nm and fluorescence images at 500 and 653 nm, corresponding to 
wavelengths within the tissue autofluorescence and Temoporfin fluorescence bands, respectively, were collected. 
The exposure time was set to 3 s for each wavelength. All fluorescence images were recorded with dimmed room 
light to avoid any influence from background light. Background images in the absence of excitation light were 
also acquired using the same wavelengths and exposure times.  
For each fluorescence image, the background was subtracted pixel by pixel and the data were normalized with 
respect to the exposure time. Each fluorescence image was divided by a fluorescence image at 653 nm from a 
fluorescence standard (USFS 336020, LabSphere, North Sutton, NH, USA) to account for the non-uniform 
distribution of the excitation light. In connection to the measurements, the output from a calibrated white-light 
source was recorded at 500 and 653 nm and all fluorescence images were corrected for the difference in relative 
detection efficiency between these two fluorescence wavelengths. For each animal and organ, mean and standard 
deviations of the fluorescence intensity at 500 and 653 nm were calculated within a region of interest (ROI) 
corresponding to the entire organ as outlined from the room-light images. The Temoporfin concentration within 
each organ was estimated by calculating a fluorescence contrast ratio, R (23); 
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where Ia(653) and Ia(500) represent the mean value of the intensities within the ROI at 653 and 500 nm, 
respectively, for each Temoporfin-injected animal. Ic(653) and Ic(500) refer to tissue autofluorescence at 653 and 
500 nm in the absence of mTHPC, assessed as the average fluorescence signals from the control animals. 

)500(/)500( ca IIk = , constituting a scaling factor between data from each Temoporfin-injected animal and 
the mean of the three control animals. 

Point-monitoring fluorescence. The Temoporfin concentration was also measured by point-monitoring 
fluorescence spectroscopy using an instrument described in detail in Ref (24). Briefly, approximately 1 mW at 375 
nm was delivered through a 400 μm quartz fiber with a clear cut distal end in contact with the tissue. The induced 
fluorescence was collected using the same optical fiber and reflected laser light was removed by a dichroic 
beamsplitter (LWP-45-RS396-TU450-700PW1012UV, CVI Technical Optics LTD, Onchan, UK) and a long pass 
filter (RG395, Schott AG, Mainz, Germany). The fluorescence signal, F( ), was detected by a spectrometer 
(USB4000, Ocean Optics, Dunedin, FL, USA) and normalized at 500 nm.  
A singular value decomposition (SVD) algorithm was used to fit a set of normalized basis spectra to the data (25), 
where these basis spectra consisted of the Temoporfin fluorescence signal (26), a fluorescence signal peaking in 
the blue-green spectral region representing the combined tissue and fiber autofluorescence and assessed as an 
average of the detected fluorescence signal in each organ of the control animals, and a constant offset representing 
background in the detection unit. The algorithm was implemented in the software program MATLAB (The 
MathWorks Inc., Natick, MA, USA). In addition, a 15-term Fourier series was included in the fit to account for 
the influence of varying blood content on the autofluorescence spectra (25);  
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where the A’s, B’s and C’s are the spectral amplitudes resulting from the fit and the f(λ)’s denote the normalized 
basis spectra. The spectral fitting range was 500-700 nm but the terms within the square brackets were included 
only between 500 (λstart) and 640 nm (λend). The number of components included in the Fourier series was 
determined by minimizing the error of the fit;  
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where the summation is taken within the fitting range and n denotes the number of data points in this spectral 
interval. The factor ω, representing the weighting of the Fourier components in relation to the other factors, was 
not critical for the performance of the algorithm and was arbitrarily set to 1. The SVD algorithm was used to 
evaluate each of the fluorescence spectra acquired at 1-3 sites in each organ and the Temoporfin concentration 
was quantified by averaging the resulting AmTHPC.

Statistical analysis: For each organ, the Temoporfin concentration estimate of every sample was compared with 
the mean value from the 15 animals. If the difference was greater than three standard deviations, the data point 
was considered to be an outlier and removed from the following analysis. Identified outliers are indicated in Table 
1. With an ANOVA-test the null hypothesis, stating that the four time points do not result in different Temoporfin 
concentrations, was tested for each individual organ. The agreement between the three methods used for assessing 
the Temoporfin concentration was quantified by studying the correlation of the HPLC data, the fluorescence 
contrast ratio and the Temoporfin fluorescence spectral amplitude. The hypothesis of no correlation for each organ 
was tested. For all tests, P<0.01 was considered significant. 

RESULTS 
HPLC results 
The Temoporfin concentration as a function of time after injection is shown in Fig. 1. For all organs except the 
tumors, the error bars indicate the standard deviations arising due to inter-animal variations, whereas for tumor 
tissue, the error bars also partly reflect intra-animal differences as each animal had two inoculated tumors. For 
tumor tissue, the Temoporfin levels at 4 (0.16±.024 ng/mg) and 8 (0.18±.064 ng/mg) hours were significantly 
higher than at 2 (0.08±.026 ng/mg) hours. Within the entire time interval, the average Temoporfin concentration 
was 0.12 ng/mg, ranging between 0.04-0.25 ng/mg. No difference in photosensitizer concentration was found 
between left and right tumors. Also, no trace of Temoporfin was found in any of the control animals. According to 
the ANOVA-test, only within tumor tissue did the photosensitizer concentration display any significant variation 
with time after injection. In Table 2, the average selectivity of Temoporfin in tumor compared to other organs 
investigated is listed for the time points investigated. The tumor-to-muscle ratio averaged for each time point is 
between 5.5 and 8.1 in the time interval of 2-8 hours, with the highest selectivity achieved at 2 hours. The tumor-
to-muscle ratio did not change significantly with time and displayed a total average of 6.6. The large variation of 
tumor-to-muscle selectivity at 8 hours is partly due to the small number of samples. At 2 hours the tumor-to-
muscle ratio ranges between 2.8 and 26.5, mostly reflecting a large biological variation at this short time point. A 
tumor-to-skin selectivity in the order of 2 was observed, which did not vary significantly with time. The 
Temoporfin selectivity in tumor tissue as compared to the internal organs is low, and exhibits a slight increase for 
the later time points. 
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Figure 1.a) - c) Temoporfin concentration as a function of time following injection within organs investigated by 
HPLC. Error bars represent ±1 standard deviation (SD). 

Table 2. Selectivity of Temoporfin analyzed from HPLC data. The average value and standard deviation are given 
for each time point and organ investigated. A P-value less than 0.01 rejects the hypothesis of time-independent 
selectivity. 

 Tumor/ 
Spleen 

Tumor/ 
Liver 

Tumor/ 
Lung 

Tumor/ 
Heart 

Tumor/ 
Kidney 

Tumor/ 
Skin 

Tumor/ 
Muscle 

2 hour 0.049± 
0.016 

0.072± 
0.017 

0.19± 
0.054 

0.47± 
0.10 

0.31± 
0.058 

1.8± 
0.47 

8.1± 
8.1 

4 hour 0.092± 
0.012 

0.13± 
0.016 

0.33± 
0.043 

0.86± 
0.099 

0.56± 
0.068 

2.2± 
0.45 

6.6± 
0.99 

6 hour 0.056± 
0.018 

0.11± 
0.037 

0.24± 
0.047 

0.69± 
0.13 

0.38± 
0.088 

1.8± 
0.43 

5.5± 
1.3 

8 hour 0.11± 
0.048 

0.17± 
0.036 

0.52± 
0.21 

1.0± 
0.34 

0.55± 
0.090 

1.8± 
0.28 

6.2± 
5.4 

P-value <0.01 <0.01 <0.01 <0.01 <0.01 0.24 0.83 

Fluorescence measurements 
A typical fluorescence spectrum from skin overlying the tumor 8 hours after Foslip injection is shown in Fig. 2a. 
The tissue autofluorescence, the Temoporfin fluorescence and the total fit including the Fourier components are 
also shown. For the purposes of clarity, the autofluorescence component is displayed at 50 % of its true value. The 
fluorescence peak at 635 nm, present only in skin samples, is believed to originate from endogenous porphyrins in 
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the mouse skin. Fig. 2b shows the corresponding fluorescence signal and the fitted fluorescence components from 
tumor tissue. Figs. 2c and d illustrate the corresponding residuals, ε, calculated as the difference between 
measured and modeled data, and the error of the fit, calculated according to Eq. (3).  

Figure 2. Ex vivo a) skin and b) tumor fluorescence spectra, the fit components representing autofluorescence 
and Temoporfin fluorescence, and the total fit, which also includes the Fourier terms. The autofluorescence 
component is displayed at 50 % of the true value and only every 30 data points are shown for purposes of clarity. 
c) and d) illustrate the residuals, ε, corresponding to a and b, respectively. The dashed lines indicate ±2 SD of the 
residuals and E denotes the fitting error according to Eq. (3). For the residuals, only every ten data points are 
plotted for purpose of clarity. 

The fluorescence contrast ratio, R, as a function of time after injection is shown in Fig. 3a. For the control 
animals, the contrast ratio was not significantly different from zero. The heterogeneity in evaluated Temoporfin 
concentration within an organ was characterized by the relative standard deviation arising when averaging the 
fluorescence contrast function within each ROI. Data from liver and spleen resulted in relative standard deviations 
approximately 4 times higher compared to the other organs. The Temoporfin fluorescence amplitude, AmTHPC,
resulting from the point-monitoring measurements, as a function of time after injection is shown in Fig. 3b. No 
peak at 653 nm was present in the spectra from any of the control animals. The average fitting errors, Ê, for each 
organ are also shown. For all tissue types, the fitting errors were small compared to the fluorescence signal 
amplitude, indicating a good fit. The influence of the Fourier terms on the total fit was typically less than 10 % of 
the autofluorescence component and their appearance mostly reflected the heterogeneous blood distribution within 
the tissue. Furthermore, the magnitudes of Fourier components 11-15 were less than 5 % of the maximum Fourier 
component, reflecting the smaller importance of the higher order terms in Eq. (2).  
The results from the fluorescence methods demonstrate similar time dependence in tumor tissue as the HPLC data, 
with a significantly lower value of Temoporfin at 2 hours compared to 4 and 8 hours after injection. The order of 
the magnitudes of the estimated Temoporfin levels in investigated organs is overall similar for the three analysis 
methods. The average tumor-to-muscle ratios were 3.3±0.92, 3.9±0.93, 3.1±1.1 and 4.0±1.5 for the four time 
intervals investigated with the fluorescence imaging method and corresponding average tumor-to-skin ratios were 
5.4±1.8, 7.5±6.4, 2.9±1.6 and 2.8±0.36. For the point-monitoring method average tumor-to-muscle ratios were 
6.1±2.9, 9.5±8.9, 6.4±3.6 and 8.4±5.4 and average tumor-to-skin ratios were 6.3±2.9, 10±5.1, 4.9±3.2 and 
6.7±2.1. For both fluorescence methods, the Temoporfin tumor selectivity displayed no time-dependence. The 
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different values of the selectivity are obtained with the fluorescence methods as compared to HPLC. This can be 
explained by the sensitivity of the optical methods to differences in tissue optical properties. The influence of 
optical properties in the fluorescence measurements are discussed in a later section.  

Figure 3.a) The fluorescence contrast ratio, R, as a function of time after injection. b) Point-monitoring 
Temoporfin fluorescence amplitude, AmTHPC, as a function of time following injection. Also shown are the 
average fitting errors. Error bars represent ±1 standard deviation. 

Correlation of HPLC and fluorescence data 
The possibility of using the fluorescence image contrast ratio or the point-monitoring Temoporfin fluorescence 
amplitude as absolute photosensitizer measures was investigated by studying the correlation between the 
Temoporfin quantities predicted by each method and the HPLC data, in this study considered 'gold standard'. 
Table 3 lists the correlation between data from the three methods for the individual organs as well as the P-value 
for testing the hypothesis of no significant correlation. The obtained correlation values and the magnitudes of the 
P-values indicate a significant agreement between the three methods for all organs with a few exceptions; poor 
correlation was noted between optical methods and HPLC for spleen as well as between point-monitoring 
fluorescence and HPLC for skin. Also, for all organs except spleen and skin, the 95% confidence intervals of the 
predicted correlation coefficients greatly overlap, indicating no significant difference of the degree of correlation 
of data from different organs.  

Table 3. Correlation between data sets from the three methods used for assessing Temoporfin concentration 
within five organs. The P-values for testing the hypothesis of no correlation are also given.  

 Spleen Liver Skin Tumor Muscle 
HPLC vs fluo. 
point 

0.43 
(P=0.15) 

0.74 
(P<0.01)

0.56 
(P=0.04)

0.76 
(P<0.01)

0.88 
(P<0.01) 

HPLC vs fluo. 
imag 

0.53 
(P=0.05) 

0.85 
(P<0.01)

0.70 
(P<0.01)

0.87 
(P<0.01)

0.78 
(P<0.01) 

Fluo. imag vs 
fluo. point 

0.67 
(P<0.01) 

0.78 
(P<0.01)

0.75 
(P<0.01)

0.63 
(P<0.01)

0.70 
(P<0.01) 
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The co-variation between HPLC and fluorescence data for each of the organs investigated by HPLC and both 
fluorescence spectroscopy methods is illustrated in Figs. 4a-d. The correlation between HPLC and fluorescence 
data illustrated in Table 3 is also clearly visualized in Figs. 4a-d, while the disjoint data sets underline the 
necessity of multiple correlation curves to adequately describe the connection between the fluorescence contrast 
ratio or the fluorescence amplitude and the HPLC data for all organs combined. The varying slope of the 
correlation curves, shown by the solid lines in Figs. 4a-d, could be partly explained by differences in tissue optical 
properties. For example, the high blood content in liver and spleen causes a higher overall light absorption and 
thus a comparatively smaller fluorescence signal. Other factors that influence the slope of the correlation curve, 
especially for the high Temoporfin concentrations encountered within liver and spleen, include saturation and re-
absorption of the Temoporfin fluorescence and the possibly formation of less fluorescent mTHPC aggregates (11). 
The optically more transparent character of the remaining organs leads to a much steeper slope of the correlation 
curve in Figs. 4a-d. The co-variation between the two fluorescence methods is shown in Fig. 4e and f. In contrast 
to Figs. 4a and c, the slopes of the correlation curves in Fig. 4e vary less for the different organs. As the tissue 
volumes probed by the optical methods show a better overlap than that of HPLC and the fluorescence data are 
influenced by the tissue optical properties whereas the HPLC result is not, the slope should ideally be identical for 
all organs. Though, the differences in excitation wavelength and detection geometry lead to slightly different 
tissue volumes probed by the two fluorescence methods, a fact that might limit the agreement between the optical 
data sets. 

Figure 4. Scatter plots showing the correlation between a) and b) Temoporfin concentrations acquired from 
HPLC and the fluorescence imaging contrast ratio, R, calculated from Eq. (1). c) and d) illustrate the co-variation 
between Temoporfin concentrations acquired from HPLC and the Temoporfin fluorescence amplitude, AmTHPC,
obtained from point-monitoring fluorescence data. Correspondingly, e) and f) show the covariance of the 
fluorescence contrast ratio, R, and the Temoporfin fluorescence amplitude, AmTHPC. In all subplots, the markers 
represent data points from individual animals and the solid lines illustrate correlation curves. 



10

DISCUSSION 

By incorporating hydrophobic photosensitizers into liposomes, improved selectivity and more pronounced PDT 
effect have been observed for PDT agents such as benzoporphyrin derivative monoacid ring A (BPD-MA) (17) 
and bacteriochlorin a (15) as compared to the original formulation. The compound Temoporfin, also a 
hydrophobic photosensitizer, is one of the most potent sensitizers (2) in present use. This photosensitizer 
possesses interesting photophysical properties, e.g. a strong absorption band in the red wavelength region and a 
high fluorescence yield, making it desirable to use optical methods in order to study photosensitizer 
pharmacokinetics and distribution. The ethanol formulation of Temoporfin is associated with prolonged general 
photosensitivity, limited tumor selective uptake, and aggregation within aqueous media. 

Here, we investigated photosensitizer distribution for short times following systemic administration of a liposomal 
Temoporfin formulation utilizing chemical extraction as well as fluorescence spectroscopy. In the animal tumor 
model used, athymic NMRI nu/nu mice with implanted HT29 human colon adenocarcinoma, both HPLC and 
optical methods demonstrated selectivity in Temoporfin accumulation between tumor and muscle and tumor and 
skin for time intervals of 2 to 8 hours after drug administration. 

The tumor-to-muscle and tumor-to-skin selectivity displayed no significant time-dependence. The average tumor-
to-muscle ratio observed in the present study indicates an early Temoporfin selectivity that is slightly higher than 
found following administration of mTHPC dissolved in ethanol, polyethylene glycol (PEG) and water. For 
example, Westermann et al. reported on a selectivity around 3-4 at 2-8 hours after administration of mTHPC 
dissolved in an ethanol-PEG-water solution in nude mice with a human colon carcinoma model (LS174T) (27). 
For that study, the selectivity increased slightly for drug-light intervals exceeding 8 hours. Further comparison of 
our results to those of Westermann et al. shows that the average tumor-to-skin selectivity displays slight 
improvement over the original formulation. Pharmacokinetic studies of liposome-encapsulated BPD-MA (M1 
tumors in DBA/2 mice) (17) and SIM01 (28) have also reported on an improved tumor-to-muscle selectivity as 
compared to administration of the original formulation of the photosensitizer. In agreement with our results, 
neither of these PDT-agents showed improved tumor-to-skin selectivity when incorporated into liposomes. In 
contrast to the results published by Westermann et al., no selectivity has been observed between human 
mesothelioma xenograft and muscle in nude BALB/c mice (29) or only little selectivity within a mammary 
carcinoma model in C3D2/F1 mice (9) for similar short times after administration of Temoporfin in an ethanol-
PEG-water solution. Our results thus indicate an early Temoporfin selectivity that is higher than observed for its 
original ethanol formulation.  

Selective accumulation of liposome-encapsulated photosensitizers has previously been explained by the fact that 
the liposomes serve as donors of photosensitizer molecules to lipoproteins (13,14). Since proliferating cells show 
an increased number of low-density lipoprotein (LDL) receptors, the association of the photosensitizer to these 
proteins has been shown to promote selective accumulation and increased treatment efficiency (14,30,31). 
Conventional liposomes, such as DPPC used in the present study, are quickly opsonized by plasma proteins. 
Following this, the liposomes are taken up by phagocytosis and transported to organs with a rich mononuclear 
phagocyte system, such as liver and spleen (13). This process also affects the bioavailability of the mTHPC 
molecules, supporting our observation of high Temoporfin concentration within liver, spleen and lung. The 
association to the mononuclear phagocyte system could perhaps also contribute to the selectivity of Temoporfin in 
the tumor, as a higher degree of inflammatory cells, such as macrophages, phagocytes and leucocytes, are present 
in close proximity of the tumor periphery.  

The photosensitizer concentration within tumor was significantly higher at 4 and 8 hours than at 2 hours. For the 
entire time interval, the average Temoporfin level in tumor tissue was 0.12 ng/mg. This can be compared to an 
observed photosensitizer concentration below approximately 0.04 ng/mg in tumor tissue between 5 min and 6 
hours after administration of the original ethanol formulation of Temoporfin at the double photosensitizer dose 
(29). Our data for tumor tissue are also slightly higher than reported by Westermann et al. for similar time points 
after administration of mTHPC in ethanol, polyethylene glycol and water (27). The Temoporfin levels detected in 
plasma were relatively low for all time points investigated, resulting in an average concentration of 0.07 ng/mg. 
Cramers et  al. reported on Temoporfin levels in plasma ranging between 0.3 and 2 ng/mg for similar time periods 
following systemic administration of mTHPC in an ethanol-PEG-water solution (29). Within muscle, skin, liver, 
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lung, kidney and heart the Temoporfin levels were in the range previously published (9,27,29). Despite the use of 
conventional liposomes, which are known to accumulate within organs rich in mononuclear phagocytic cells, the 
photosensitizer concentration within liver, spleen and lung in the present study was not higher than previously 
published.  

In agreement with our results, a higher bioavailability has previously been noted for other hydrophobic PDT 
substances incorporated into liposomes (15,17,32). Maximum photosensitizer concentrations within tumor tissue, 
using photosensitizers incorporated with liposomes, have been shown to peak either at earlier (17), similar (28) or 
at later (32) time points after administration as compared to the original formulation of the photosensitizer. These 
differences might be due to the specific liposome and/or photosensitizer used as well as the tumor and animal 
model. The pharmacokinetic profile of liposome-encapsulated Temoporfin observed in the present study for short 
times after injection might mostly reflect the fate of the liposomes. Opsonization and association with lipoproteins 
or phagocytosis of conventional liposomes, such as used in the present study, are rapid processes that lead to a fast 
transfer of the sensitizer from the vascular compartment. These effects can explain the low photosensitizer levels 
in plasma and the almost flat pharmacokinetic profiles within the internal organs. Further improvements of tumor 
selectivity and bioavailability might be possible by prolonging the circulation time of the liposomes, for example 
by utilizing a pegylated liposomal formulation, also referred to as a stealth liposome (19). Another reason for the 
delayed concentration maximum within tumor tissue when using ethanol formulations of Temoporfin as compared 
to liposome-encapsulated Temoporfin could be the formation of photosensitizer aggregates in blood when 
administering an ethanol photosensitizer formulation. These aggregates need to be disassociated before the 
photosensitizer molecules can bind to plasma proteins (11,16).  
The present study is limited in that photosensitizer distribution and the generalized photosensitivity were only 
studied up to 8 hours. Within a different animal group, the photosensitizer levels displayed a decrease within the 
internal organs at 24 hours (unpublished data). These data, which were not merged with the present study due to 
slightly different experimental procedures, also indicated that the Temoporfin concentration within skin, muscle 
and tumor did in fact not increase for this later time point. More extensive studies are needed in order to 
understand the pharmacokinetics of Temoporfin at later time points following systemic administration of this 
novel liposomal formulation. 

In this study, HPLC was considered the 'gold standard' to which the optical methods were compared and the data 
correlated. As seen in Figs. 4a-d, the extraction and fluorescence data showed a relatively good agreement within 
individual organs but one could also see that no single correlation curve could adequately fit the HPLC and 
fluorescence data for all organs. One factor that dramatically influences the overall correlation between the HPLC 
and fluorescence results is varying optical properties of the tissue under investigation. Optically opaque tissues, 
such as liver and spleen, result in comparatively lower fluorescence signals than in for example muscle, 
characterized by a higher albedo. Clearly, this indicates the importance of taking into account the influence of 
scattering and absorption on the detected fluorescence signal. Several authors have utilized white-light reflectance 
signal probing the same tissue volume as the fluorescence, to assess the tissue absorption and scattering levels. 
Based on this information, empirical and theoretical models have been used to solve for the intrinsic tissue 
fluorescence (33,34). White-light reflectance measurements could thus yield information on how to “unmask” the 
fluorescence amplitude and possibly improve agreement between extraction and Temoporfin fluorescence level.  
Another reason is that the extraction data represent the average Temoporfin concentration within the entire organ, 
whereas the fluorescence methods probe only the most superficial tissue regions. Furthermore, the differences in 
excitation wavelength and measurement geometry cause slightly different probing depths for the two optical 
methods. Any variation in Temoporfin concentration with depth from the exposed tissue surface in combination 
with varying, tissue-specific optical properties would negatively influence the agreement between the three 
methods both within and between individual organs. Finally, within aqueous media, the hydrophobic mTHPC 
molecules are known to form non-fluorescent oligomers. Despite being in monomeric form when incorporated 
into liposomes, it is possible that the photosensitizer molecules aggregate upon distribution within cells, especially 
in the case of high concentrations (35). The HPLC results are independent of such aggregation, whereas the 
fluorescence measurements are not, possibly resulting in the lower slope observed for liver and spleen in Figs. 4a 
and c. 
The liver and spleen are surrounded by a capsule rich in collagen and elastin. For liver, its capsule was cut open 
and measurements were performed directly on the liver parenchyma, whereas the capsule of the spleen was kept 
intact during the optical measurements. The combination of differences in photosensitizer concentration between 
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capsule and parenchymal tissue and the shallow probing depth of the fluorescence signals could explain the lack 
of significant agreement between HPLC and fluorescence data for the spleen. The poor correlation between point-
monitoring and extraction data for skin may be explained by the difference in probing depth in combination with 
the layered skin structure. The measurement geometry (36) and the strong scattering within the epidermis, that 
mostly consists of dead cells with a low uptake of Temoporfin and high collagen content, limit the probing depth 
of the 375-nm light used for the point-monitoring fluorescence spectroscopy.  
The two fluorescence methods showed similar agreement with the extraction data despite being based on different 
methods of analysis. Each method has its individual advantages. The fluorescence imaging method performs 
better within heterogeneous organs as it allows e.g. for spatial averaging of specific areas. The point-monitoring 
setup yields more detailed spectroscopic information making it possible to separately monitor individual tissue 
fluorophores, such as tissue autofluorescence and skin porphyrin content. The ultimate system would provide full 
spectroscopic data in each spatial point of an image plane possibly allowing a precise delineation of tissue types. 
Future use of more detection bands of the LCTF would develop into such a system. 

In conclusion, we have reported on significant photosensitizer selectivity between tumor and muscle tissue at 2 to 
8 hours following systemic administration of Temoporfin incorporated into conventional liposomes. The average 
tumor-to-muscle selectivity was slightly higher than observed for mTHPC dissolved in ethanol, polyethylene 
glycol and water (27) and other hydrophobic PDT agents incorporated into liposomes (17) upon investigation at 
similar times after injection. The tumor-to-muscle selectivity was not significantly dependent on time, whereas the 
ratio of photosensitizer concentration in tumor to internal organs increased for the later time points. These 
observations in combination with the overall low photosensitizer concentration within plasma, indicates a rapid 
photosensitizer distribution process. The biocompatibility of the liposomes, the rapid pharmacokinetics and the 
early selectivity observed for the liposome-encapsulated Temoporfin are interesting features in trying to limit the 
drug-light interval used clinically and need further investigation. Furthermore, we have observed that within 
individual homogeneous organs the Temoporfin fluorescence level, both in imaging and point-monitoring mode, 
can be used as a reasonable substance concentration estimate. Though, when studying numerous and optically 
different tissues one needs to take into account the influence of background optical properties on the resulting 
fluorescence signal. 
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ABSTRACT 

Meso-tetra(hydroxyphenyl)chlorin (mTHPC) (INN: Temoporfin) is a potent photodynamically active substance 
in clinical use today. Usually the substance is given systemically and a known drawback with this 
administration route is a prolonged skin light sensitization. For the first time to our knowledge, a liposomal 
Temoporfin gel formulation for topical application was studied in connection with photodynamic therapy (PDT) 
of non-pigmented skin malignancies in humans. Intervals of 4 hours between drug administration and light 
irradiation were used. Sensitizer distribution within tumor and surrounding normal skin was investigated by 
means of point-monitoring and imaging fluorescence spectroscopy before, during and after PDT, showing high 
tumor selectivity. Furthermore, the bleaching of Temoporfin was studied during the PDT procedure by 
monitoring the fluorescence following excitation by using the therapeutic light. A 30-35% light-induced photo 
metabolization was shown. No pain occurred during or after treatment. It was also observed that the treated area 
did not show any swollen tissue or reddening as is often seen in PDT using topical -amino-levulinic acid. On 
controlling the patients one week after treatment, healing progress was observed in several patients and no 
complications were registered.  

Abbreviations: ALA, -aminolevulinic acid; BCC, basal cell carcinoma; CCD, charge-coupled device; DPPC, 
dipalmitoylphosphatidylcholine; LCTF, liquid crystal tunable filter; mTHPC, meso-
tetra(hydroxyphenyl)chlorin; PDT, photodynamic therapy;  SD, standard deviation; 

Running: A topical Temoporfin formulation for PDT 
Keywords: mTHPC, PDT, basal cell carcinoma, fluorescence, bleaching, spectroscopic monitoring, 
Temoporfin topically 

1. Introduction 

This paper presents, to our knowledge, the first use of a new photosensitizer, a liposomal Temoporfin gel 
formulation, for topical application in humans. Photodynamic therapy (PDT) is a modality for local 
treatment of cancer and relies on a photosensitizing agent being activated by light at an appropriate 
wavelength, usually within the red wavelength region to optimize light penetration within tissue1. Many of 
the sensitizers are selectively located in malignant cells due to a variety of biological reasons2 and therefore 
selectivity in the therapy is achieved. Provided the simultaneous presence of sensitizer and oxygen, a 
cytotoxic reaction can be photochemically induced, causing selective cell destruction. The PDT outcome is 
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governed by a combination of the effect of direct cell kill and induction of apoptosis3, vascular damage4

and an elicited immune response5.

The majority of photosensitizers are administered systemically, which causes an unwanted side effect of 
skin sensitization. In PDT of certain types of skin abnormalities topical application of a sensitizer is 
preferable in order not to cause general skin sensitization. Topical administration of δ-aminolevulinic acid 
(ALA) in combination with illumination from a laser or a light emitting diode with light doses in the range 
of 35 and 200 J/cm2,6 has been successfully used for treatment of non-melanoma skin malignancies over the 
past decades6,7. ALA is often supplied in a cream at a concentration of 20% and application times range 
between 3 and 6 hours8. During this time period, the ALA molecules diffuse into the tissue followed by the 
synthesis of protoporphyrin IX (PpIX), which is the photodynamically active metabolite2. Due to an 
increased permeability of the ALA molecules through the damaged epidermis of many cutaneous tumors 
and differences in the enzymatic activity, the accumulation of PpIX often displays a significant selectivity 
between normal and malignant tissue for shorter application times up to about 3-6 hours2. The sensitizer 
distribution can easily be monitored via the characteristic PpIX fluorescence within the red wavelength 
region, thus making optical methods highly desirable as non-invasive tools for sensitizer monitoring. 

For superficial basal cell carcinomas (sBCC), PDT following topical application of ALA has led to cure 
rates (CR´s) of 79-100%6. Though, for nodular lesions, the reported CR’s are often about 50-70%7, a fact 
that has been partly explained by the limited penetration (1-3mm) of the hydrophilic ALA molecules. A 
further drawback of ALA-mediated PDT is skin sensation, such as itching and sometimes pain reported in 
many trials9,10. ALA-PDT also induces immediate post therapy tissue reactions with swollen, reddening and 
oozing skin.  

Due to the lipophilic character of ALA esters, these derivatives are expected to show better biological 
availability and tissue penetration than ALA. Peng et al. reported on a highly selective and homogeneous 
sensitizer distribution following topical administration of methyl δ-aminolaevulinate, Metvix®11. A high 
tumor selectivity was observed by means of PpIX fluorescence both in animal skin tumor models and in 
human basal cell carcinomas (BCC’s)12,13. On the other hand, as the PpIX molecule is activated at slightly 
shorter wavelengths than many other PDT agents, the light absorption of hemoglobin limits the light 
penetration and treatment depth to approximately a few millimeters14. Furthermore, the PpIX molecule 
itself presents some shortcomings in terms of the localization of the substance within the tissue15, and the 
relatively low extinction coefficient of this sensitizer16. These factors might limit the treatment outcome 
irrespective of which kind of ALA is used6,17 . 

Meso-tetra(hydroxyphenyl)chlorin (mTHPC) (INN: Temoporfin) has been reported as one of the most 
efficient sensitizers, as relatively small drug and light doses are required in order to achieve treatment 
response18. Another advantage with Temoporfin is the wavelength of the absorption maximum at 652 nm as 
compared to 635 nm for ALA, resulting in an enhanced light penetration. Systemically administered 
Temoporfin in ethanolic formulation, Foscan®, has been successfully used for PDT of head- and neck 
malignancies19, prostate20 and for BCCs21. A major drawback utilizing systemic administration of 
Temoporfin is the prolonged photosensitivity, subjecting patients to subdued light conditions for several 
weeks following sensitizer administration. In addition, due to the hydrophobic character of the mTHPC 
molecules, it is practically insoluble in aqueous media. Following systemic administration of the ethanolic 
formulation, the sensitizer therefore forms aggregates, leading to limited transportation of the sensitizer 
within biological media as well as poor tumor selectivity and PDT efficacy22-24. The above factors can also 
lead to an intense inflammation at the injection site21.

To overcome the problem of the extended photosensitization associated with systemic administration of 
Temoporfin, Gupta et al. have reported on PDT combined with topical mTHPC administration for 
treatment of Bowen’s disease and BCCs25. In this study, the CR was 32% at the 2-month follow-up. The 
authors suggested that the formulation of Temoporfin they used was a limiting factor for the treatment 
outcome.  

Previously, our group has reported on sensitizer distribution studies following topical administration of a 
novel liposomal formulation of Temoporfin in a murine skin tumor model26. For Temoporfin gel 
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application times of 4 and 6 hours the chemical extraction from different organs revealed a selective 
accumulation of the substance within tumor tissue. The average sensitizer concentration within lesions was 
6.0 ng/mg, whereas no detectable levels of generalized photosensitivity were shown. Within the study, the 
strongly fluorescing and absorbing characteristics of Temoporfin were also used for monitoring the drug 
distribution by fluorescence imaging and absorption spectroscopy. These non-invasive methods confirmed 
the selective sensitizer distribution and indicated sensitizer penetration depths of 3-4 mm within the 
investigated tumors.  

Following these initial promising results on the animal skin tumor model, the same liposomal Temoporfin 
formulation is introduced for non-pigmented skin malignancies in patients. In this study, we include 
spectroscopic measurements to monitor the uptake of the liposomal Temoporfin formulation in connection 
with PDT using laser light at 652 nm. By incorporating Temoporfin in a liposomal formulation, the 
substance is made more suitable and transport within biological media is facilitated. The liposome 
encapsulated Temoporfin is supplied in a water-based heat-setting gel, rendering application times of 
several hours possible. Fluorescence spectroscopy data are presented as a tool to study sensitizer 
distribution and treatment-induced photobleaching. Clinical parameters, such as skin sensations during the 
treatment and other local skin reactions during the first week after treatment, are monitored. 

2. Material and Methods 
Sensitizer: The sensitizer compound is comprised of a liposomal formulation of mTHPC (Temoporfin) in a 
thermo gel matrix with a sensitizer concentration of 0.5 mg mTHPC/ml gel (Biolitec AG, Jena, Germany). 
The liposome formulation is based on dipalmitoylphosphatidylcholine (DPPC), monosaccharide, water and 
polyoxyehthylene polyoxypropylene block copolymers encapsulating mTHPC27. The mTHPC gel is in a 
liquid phase at the storage temperature of 4°C but forms a highly viscous gel when heated by the skin to 
temperatures above 26°C. The thermo-thickening thus aids in increasing the retention time of the applied 
gel and transfer of the sensitizer into the tissue. No penetration enhancers are added to the Temoporfin gel. 

Patients: The Temoporfin gel was used for topical PDT of 35 lesions in 10 consecutive patients in the 
ambulatory out patient ward. The histopathology showed basal cell carcinoma for 29 and squamous cell 
carcinoma for the remaining 6 lesions. The gel was applied on the visible lesion and an additional margin 
of about 10 millimeters on the surrounding skin. Tegaderm® was used to cover the area (Fig. 1a). Four 
hours later, the gel was removed and the site was carefully cleaned with alcohol. PDT was performed by 
irradiating lesions with diode laser light at 652 nm (Ceralas, Bonn, Germany) at a light dose of 20 J/cm2.
Two tumors in one patient were treated with a different light dose; one with 40 J/cm2 and one with 60 
J/cm2. The optical fiber used for light delivery was equipped with a microlens giving a uniform irradiance 
adjusted to 100 mW/cm2.

Optical measurements: Point-monitoring fluorescence spectroscopy measurements were performed prior to 
and post PDT to study both the Temoporfin-related signal and tissue autofluorescence. Several sites within 
and in close proximity to the lesions were studied. The point-monitoring fluorosensor utilizes a nitrogen 
laser pumping a dye laser emitting pulsed excitation light at 405 nm. The light is guided to the tissue 
through an optical fiber with a core diameter of 600 μm. The induced fluorescence light is transmitted 
through the same fiber back to a detection unit. This unit incorporates an RG435 cut-off filter, a 
spectrometer and a cooled intensified CCD recording fluorescence spectra in the range from 450 to 800 
nm28.

In addition, a fluorescence imaging system was used to monitor the whole treatment site including the 
surrounding normal skin margin prior to, during and post PDT. Fluorescence images were collected by a 
CCD camera (C4742-80-12AG, Hamamatsu) equipped with a liquid crystal tunable filter (LCTF VIS 20-
35, Varispec) and a zoom objective lens (50 millimeters focal length and f/1.8, Nikon). For the 
measurements performed prior to and post PDT, the excitation light source consisted of 12 light emitting 
diodes with optical output centered at 405 nm, and the fluorescence was imaged at 652 nm.  

Measurements performed in order to study the sensitizer photobleaching during PDT utilized the treatment 
light at 652 nm to induce Temoporfin fluorescence, which was detected at 720 nm. In each treatment 
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session, a total of 60 fluorescence images were collected at 3 s intervals in order to follow the 
photobleaching of the sensitizer. For evaluation of the Temoporfin bleaching kinetics, a subset of 12 
images, separated by approximately 16 s, were extracted from the data set. In each image, 4 regions with an 
area of about 0.2 mm2 were selected and the mean of the intensity within these regions was calculated. This 
procedure was performed for the same 4 regions in the consecutive images. By normalizing the mean 
intensity for each image to the mean intensity at the start of the irradiation, a normalized temporal profile of 
the fluorescence intensity was calculated. 

3. Results and Discussion 

The use and handling of the novel liposomal Temoporfin gel was very convenient as the gel was fluid only at 
the low storage temperature in the refrigerator. As soon as the gel was applied on the skin of the patients it 
became more viscous and was not as easily smeared off the surface. Despite this, a covering film was placed 
over the area in order to keep the gel in place during the 4 hours before PDT illumination (Fig. 1a). In contrast 
to the use of the PpIX-precursor ALA, this liposomal Temoporfin formulation is not dependent on an enzymatic 
transformation. The application time is only for the purpose of letting the substance diffuse into the tumor 
tissue. The use of a 4 hour drug-light interval was motivated by the results from a previous study in a murine 
skin tumor model26. Unlike ALA, mTHPC is a strongly fluorescing substance. Any Temoporfin gel remaining 
on the skin surface will thus cause a false non-tissue-uptake related fluorescence signal. Within thus study, a 
careful cleansing of the skin was of importance to avoid influence by superficially located Temoporfin gel.  

Fig. 1. a) A picture of a Temoporfin vial together with Tegaderm® dressing and a light protecting cover. b) 
and c) Digital images from a tumor prior to the PDT procedure and 1 week after, respectively. Remaining 
scar structures are due to previous non-PDT treatments. 

Further comparison with ALA and its esters shows an advantage for Temoporfin-PDT in that it did not cause 
any discomfort to the patients. Previous work has reported on a majority of the patients experience painful 
sensation in the skin during ALA-PDT9. Our own clinical experience includes rare cases of patients feeling 
inclined to interrupt the ALA-PDT and not accepting another PDT treatment using the same type of sensitizer. 
Different methods, such as spraying water or using a fan on the area treated, have been reported to relieve the 
ALA-PDT-related pain. However, other studies show less discomfort where only 25% of the patients 
experienced some kind of skin sensation and very few patients felt any pain10. In the present Temoporfin study, 
none of the treated patients spontaneously complained about any pain. Also, upon interviewing all 10 patients 
concerning their sensations during the treatment, no one reported on any pain, itching or stinging and all 
patients could finish the treatments without any complaints. As mentioned above, the PDT light dose was 
generally 20 J/cm² delivered at 100 mW/cm2. This rendered the treatment time acceptably short (approximately 
200 s), an attractive feature especially for elderly patients. This light dose resulted in only a partial bleaching of 
the Temoporfin as monitored by the fluorescence levels. Due to this fact, we increased the light dosage up to 
40-60 J/ cm² for a few treatment procedures as mentioned above. This increased light dose also did not result in 
any inconvenience for the patient. All the patients, treated with the novel Temoporfin formulation and PDT, 
were reviewed in order to record immediate post-PDT reactions (Fig. 1b and c). In the case of ALA-PDT it is 
normal to see swollen tissue and some reddening, oozing and formation of small pustules in the area where 
ALA is applied. No such reactions were seen in the patients, who had undergone Temoporfin-PDT. It was also 
noted that tumor sites oozing or bleeding before the Temoporfin-PDT seemed to dry out during the first week 
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following the treatment. Therefore, no post treatment dressings or other medical procedures were necessary.  

Fluorescence spectroscopy, both in point-monitoring and imaging mode, was used to study Temoporfin 
distribution within the PDT target area. Point-monitoring fluorescence spectra recorded in a scan over a 
tumor, tumor border and surrounding normal skin margin out to 10 mm before and after PDT are shown in 
Fig. 2 together with a digital photo of the tumor. In the region outside the tumor, the spectra shown are the 
average of data recorded at 2, 5, and 10 mm outside the visible boundary of the tumor. For the center of the 
tumor, the spectra displayed are the average of three recorded spectra, whereas fluorescence spectra for the 
tumor border represent single acquisitions. The Temoporfin fluorescence emission is clearly seen in the red 
part of the wavelength region peaking at about 653 nm and also a second broader peak at approximately 
720 nm. Beside the drug-related fluorescence, the autofluorescence from the tissue itself, characterized by 
broad emission in the blue/green part of the wavelength region, is also seen. As known from earlier studies, 
the autofluorescence shows very low intensity within the tumor area as well as in the tumor border zones8.
It can be noted that in one of the areas outside the visible border of the tumor the autofluorescence is very 
low and the Temoporfin signal high (the rightmost spectrum), which may well represent an outstretching 
part of the tumor. Even if it is not histopathologically proven it is a clear indication to include also this part 
in the PDT irradiated field to enhance the radicality of the treatment. After PDT, the substance-related 
emission is shown with a decreased intensity, which is a sign of photobleaching of the drug during the PDT 
procedure.  

Fig. 2. Fluorescence spectra induced by 405 nm excitation recorded from outside the lesion, border of the 
lesion and center of the lesion before and after the PDT procedure.  

By using both the Temoporfin-related signal and the tissue autofluorescence, a diagnosis-related contrast 
function, Cdiag, can be calculated (Fig. 3a); 
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The function results in higher values in tumor, since the Temoporfin intensity is high and the 
autofluorescence is low compared to normal tissue (Fig. 2). This contrast function is slightly different from 
a contrast based only on the Temoporfin fluorescence amplitude without taking into account the tissue 
autofluorescence at this wavelength. Although the latter is perhaps more related to the sensitizer 
concentration and the PDT effect, Cdiag, was employed in the present work. The values of this contrast 
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function obtained before and after PDT for the tissue region in Fig. 2, are plotted in Fig. 3b. As can be seen, 
the contrast between tumor and manifest normal skin (the outermost left point) is very high. It can also be 
noted that the effect of bleaching due to PDT is substantial (about a factor of 2).  

Fig. 3. a) Indications of the different areas used in the contrast function, Cdiag. b) The contrast function, 
Cdiag, applied on spectra in Fig. 2 before and after PDT procedure. The data points are connected by lines 
for the guidance of the eye.  

Typical fluorescence images of a tumor and surrounding skin following excitation at 405 nm with detection 
at 652 nm are shown in Fig. 4a. The images are monitored before and after the PDT procedure. The 
presented images are background subtracted, where the background was acquired without excitation light. 
For comparison both images are normalized using the maximum intensity in the first image. It can be 
observed that the sensitizer distribution is heterogeneous within the tumor, an effect that was observed in 
most of the tumors studied. Similar results were observed in the murine skin tumor model following 
administration of this liposome encapsulated Temoprofin gel26. In that study, the increased penetration 
within lesions was ascribed the absence of the stratum corneum, whereas an intact epidermis prevented 
normal skin from accumulating any detectable levels of the photosensitizer. Thus, the heterogeneous 
fluorescence signals observed within this study may reflect the status of the uppermost skin layers. A 
further explanation to the heterogeneous Temoporfin distribution might be the tumor growth pattern, as it is 
well known that BCCs grow in spots or patches with normal tissue intermixed within the tumor site as 
illustrated in the photo in Fig. 2.  
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Fig. 4. a) Images of a tumor showing the fluorescence intensity at 652 nm for excitation at 405 nm before 
and after the PDT procedure, respectively. b) The fluorescence spectra obtained in point monitoring for 
excitation at 405 nm from three different locations marked by circles; outside to the left and to the right of 
the visible tumor location, and inside the tumor area. 

Fluorescence spectra acquired with the point-monitoring setup are also presented before and after PDT 
(Fig. 4b). The spectra are normalized to the maximum of the autofluorescence from surrounding skin 
between 470-520 nm. As the Temoporfin signal shows a very low intensity in surrounding normal skin the 
spectra are shown also with a ten-fold magnification. A tumor demarcation based on the diagnosis-related 
contrast function, Cdiag, of approximately 10:1 can be seen when comparing the tumor center spectrum with 
the two spectra from normal tissue outside the tumor. This is comparable to the contrast obtained for the 
majority of the tumors included in the study. Post PDT, a decrease of the Temoporfin fluorescence in the 
center of the tumor as well as in the surrounding tissue can clearly be seen.  

The laser light at 652 nm used for treatment also excites mTHPC fluorescence at 720 nm. Fig. 5a shows the 
mean relative fluorescence intensity over time for ten representative tumors following excitation by the 
therapeutic laser light. The photodegradation of Temoporfin as monitored at 720 nm can clearly be seen. A 
photobleaching of about 30-35% is recorded after 200 s of therapeutic irradiation (20 J/cm2), which concurs 
well with previously reported results for the photobleaching in mTHPC-sensitized spheroids29.
Fluorescence images of a tumor are shown at three different time intervals during the PDT procedure (Fig. 
5b); before, in the middle and at the end of the session. These fluorescence images, detected at 720 nm 
following excitation by the therapeutic light at 652 nm, also illustrate the treatment-induced 
photobleaching. An apparent lower overall photobleaching can be observed following fluorescence 
excitation at 652 nm as compared to 405 nm excitation, see for example Figs. 4b and 5a. This effect might 
be explained by the different effective penetration depths of the two excitation wavelengths. I.e., violet 
light probes the superficial tissue regions where the therapeutic irradiation has efficiently bleached away 
most of the photosensitizer, whereas the red excitation wavelength also probes deeper into the tissue 
volume where less bleaching has occurred due to the lower irradiance during treatment. These observations 
might suggest that sensitizer photobleaching as a parameter related to PDT outcome should be monitored 
utilizing the same excitation wavelength as for PDT induction whenever possible. Then a more 
representative tissue volume is probed. 



  8 (10) 

Fig. 5. a) Decrease of the normalized fluorescence intensity at 720 nm detected over time for ten tumors 
following excitation by the therapeutic radiation at 652 nm. Error bars represent ±1 SD. b) Fluorescence 
images at 720 nm showing one of the tumors included in the data analysis after 0, 100 and 200 s of 
therapeutic irradiation, corresponding to 0, 10 and 20 J/cm2.

4. Conclusions 

In conclusion, we have reported a significant selectivity between tumor and surrounding skin at 4 hours 
following administration of liposome-encapsulated Temoporfin embedded into a thermo-setting gel, 
constituting a novel Temoporfin formulation for topical use. The uptake of the substance was monitored by 
point-monitoring as well as imaging fluorescence spectroscopy. Fluorescence was induced either at 405 nm or 
by the treatment light at 652 nm. The bleaching of the sensitizer was estimated from the fluorescence levels by 
comparing the fluorescence images before, during and after PDT. Furthermore, our initial results show that this 
new formulation is easy applicable due to its temperature dependent viscosity, rendering the gel to firm after 
application onto the lesions. The light illumination is not connected with any treatment related pain or other 
adverse reactions. As compared to ALA-PDT no swollen tissue or oozing were noticed at the weekly follow-up. 
In cases where the tumor area was associated with a wound with or without bleeding it was noted that these 
lesions seemed to dry up after few days. After these promising initial results further studies are needed in order 
to understand the penetration of the Temoporfin in skin following topical administration. Furthermore, studies 
for following long term tumor response are being planned.  
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ABSTRACT 

During -aminolevulinic acid (ALA) based Interstitial Photodynamic Therapy (IPDT) a high light fluence rate is present 
close to the source fibers. This might induce an unintentional tissue temperature increase of importance for the treatment 
outcome. In a previous study, we have observed, that the absorption in the tissue increases during the treatment. A 
system to measure the local tissue temperature at the source fibers during IPDT on tissue phantoms is presented. 
The temperature was measured by acquiring the fluorescence from small Cr3+-doped crystals attached to the tip of the 
illumination fiber used in an IPDT-system. The fluorescence of the Alexandrite crystal used is temperature dependent. A 
ratio of the intensity of the fluorescence was formed between two different wavelength bands in the red region. 
The system was calibrated by immersing the fibers in an Intralipid solution placed in a temperature controlled oven. 
Measurements were then performed by placing the fibers interstitially in a pork chop as a tissue phantom.  Measurements 
were also performed superficially on skin on a volunteer. A treatment was conducted for 10 minutes, and the 
fluorescence was measured each minute during the illumination. The fluorescence yielded the temperature at the fiber tip 
through the calibration curve. The measurements indicate a temperature increase of a few degrees during the simulated 
treatment.  

Keywords: interstitial photodynamic therapy, temperature-dependent fluorescence, Cr3+-ions

1. INTRODUCTION 

The aim of this study is to present results of an optical method to monitor tissue temperature behaviour during simulated 
Photodynamic Therapy (PDT) treatments superficially on skin, but also interstitial PDT illumination in a piece of meat.  

1.1 Interstitial Photodynamic Therapy (IPDT) 
Photodynamic therapy, PDT, is a method for treating locally situated tumours.1 The patient is given a photosensitising 
drug a certain time period before the treatment. The photosensitiser can be administered in different ways. After some 
time the photosensitiser has selectively accumulated in the tumour and the treatment is initiated. By illuminating the 
tumour, with light of a wavelength matching an absorption peak of the photosensitiser, the photosensitiser is excited. The 
photosensitiser can interact with other molecules and an energy transfer is therefore possible. If the energy is transferred 
to an oxygen molecule, this molecule can be excited from a triplet ground state to a first singlet excited state. This singlet 
state is very reactive and can oxidise proteins and cell constituents, which can lead to cell necrosis or apoptosis in the 
tumour. 
The main advantages of PDT are that the treatment is selective, can be repeated and that the treated areas heal fast. A 
major disadvantage is that only superficial tumours can be treated and with tumour thickness only up to a few 
millimetres. A possible solution to this problem is to use interstitial photodynamic therapy, IPDT, where optical fibers 
are inserted into the tumour mass. This will give the advantage to enable treatment of more solid tumours, either primary 
tumours or e.g. liver metastases.2



1.2 Why is it important to monitor the temperature locally? 
During an IPDT treatment procedure a high light fluence rate is present close to the source fibers, especially when using 
bare end cut fibers.3 This might induce an unintentional tissue temperature increase of importance for the treatment 
outcome. In addition, an increase in the measured absorption coefficient has been seen during IPDT treatments, in a 
recent study.3 The increase in the absorption coefficient could be an effect of tissue deoxygenation, changes in blood 
flow, local bleeding or temperature increase close to the fiber tips.  
The goal of an IPDT treatment is not to have a hyperthermal, but a photochemical effect, on the lesion. If a small 
bleeding occurs at the fiber tip, the absorption coefficient will increase drastically and this could lead to an abrupt 
temperature increase. Such bleeding would reduce the efficacy of the treatment, since most of the light would be 
absorbed in the blood right at the fiber tip. 

In an earlier published study, the blood perfusion and the temperature were measured during superficial PDT, both on 
patients with lesions and on skin on volunteers4. The temperature was studied with an infrared camera and an increase in 
temperature 1-4 °C could be seen during the treatment. This small temperature increase shows that there is no 
hypothermal effect during the treatment when an initial temperature was about 35 °C. The infrared camera only monitor 
the really superficial layer of the skin and in deeper lying tissue the temperature could actually be higher. With a 
thermometer based on an optical technique, the temperature could actually be measured at other deeper locations. 

2. MEASUREMENT PRINCIPLES 

One way to measure the temperature with an optical technique is to use crystals, which fluorescence is temperature 
dependent. To be able to measure the temperature locally in the tissue where the treatment fibers are located, a small 
crystal can be attached to the fiber tip. In this study a crystal doped with Cr3+-ions was used. Cr3+-ions in ionic crystals 
interact strongly with the crystal field and the lattice vibrations. The crystal field arises because of the influence on the 
Cr3+-ion from the neighbouring ions. The interaction between the Cr3+-ions and the crystal field arises due to the fact that 
there are no outer shells to shield the three valence electrons. As a result Cr3+-activated materials are characterised by a 
wide absorption spectrum, from UV to infrared. This has two advantages, the possibility to choose excitation source and 
that a small drift in the excitation source will not cause a significant change in the fluorescence intensity. Because of the 
strong crystal field interaction, the energy gaps of the electronic levels of Cr3+ can vary from one host crystal to another. 
The temperature dependence of the fluorescence lifetime varies with the energy gap and will thus differ for different 
Cr3+-doped materials. Different Cr3+-doped crystals show different temperature dependence in the fluorescence signal. 
Among the different crystals, Alexandrite seems to show good temperature sensitivity in the interesting temperature 
range (15 – 100 °C) in this case.5

A Jablonsky diagram of Alexandrite is shown in Figure 1. The ground state in Cr3+ is always 4A2, independent of the 
strength of the crystal field. Two excited energy levels are involved, following excitation at 635 nm:  4T2 and 2E. The 
energy splitting between these two low-lying states is denoted ΔE = E(4T2) – E(2E). ΔE varies strongly with the strength 
of the crystal field and can be both negative and positive. The emission spectrum of Cr3+ consists of two different 
features, a broad spectral band and two sharp peaks, so called R-lines. The broad band originates from the vibrational 
transitions, 4T2 → 4A2, where ions in the 4T2 state decay to the empty vibrational levels of the 4A2 state. The R-lines 
appear because of a further split of the 2E state into two levels, E and 2 , separated by a small energy gap. The R1-line is 
the transition E → 4A2 and the R2-line comes from the transition    2 → 4A2. 5 Lattice vibrations in the crystal interact 
with the electronic levels of the Cr3+-ion. The effects of this are the initiation of vibrational transitions, radiationless 
transitions and phonon scattering. The first of these effects produces broad bands in the spectra, the second effect leads 
to a temperature dependent decrease of the fluorescence lifetimes of the R-lines and both the second and third effect can 
cause a thermal broadening of the R-lines.6
In Alexandrite, the lowest excited state of the Cr3+-ions is the 2E state (Figure 1). At low temperatures the emission is 
dominated by the transition 2E → 4A2 (the R-lines), yielding an effective long fluorescence lifetime, since the transition 
is parity and spin forbidden. The 4T2 state has a much shorter lifetime than the 2E state. When the temperature increases, 
a higher percentage of the Cr3+-ions will populate the 4T2 state according to the Boltzmann distribution. Consequently 
more ions will decay through the 4T2 → 4A2 path, resulting in a decrease of the fluorescence lifetime. Thus, at low 
temperatures the thermally activated populations of the 2E and 4T2 states determine the fluorescence properties. 5



This phenomenon can also be seen in the intensity of the fluorescence. The fluorescence, corresponding to the R-lines, 
will decrease when less ions will follow the path 2E → 4A2. This can be used as a measure of the temperature by forming 
a dimensionless ratio for the intensities from the R-lines divided by the intensity at longer wavelengths. 

Figure 1. The energy levels as a function of nearest neighbour distance for a crystal with a high crystal field strength (See Ref 5). 

An evaluation of the method measuring the temperature with fluorescence from crystals has been reported earlier.7 In 
that study fluorescence lifetime measurements were performed. In this study we go one step further and use an integrated 
system developed for IPDT to measure the fluorescence and calculate an intensity ratio of the fluorescence to give a 
value of the actual temperature. There are commercially available fiber based thermometers using optical techniques to 
measure temperature dependent fluorescence, which can be used for temperature monitoring.8 The concept we use in this 
study is that the crystal is located on the fiber tip of the fiber delivering the treatment light during a real IPDT treatment.     

3. MATERIAL AND METHODS 

3.1 Material  
In this section the Interstitial Photodynamic Therapy system used will be described and also a short description of how 
the crystal was attached to a bare end fiber tip will be given. 

3.1.1 IPDT system 
An instrument for interstitial photodynamic therapy has been developed by the company SpectraCure AB (Ideon 
Research Park, Lund, Sweden). A general schematic drawing of the instrument is shown in Figure 2. The instrument uses 
a maximum of six bare end optical fibers that are used to deliver the therapeutic light into the tumour mass. The same 
fibers can also be used in order to perform diagnostic measurements during the treatment session.3 The therapeutic light 
unit consists of six diode lasers emitting at 635 nm with an individual maximum output power of 200 mW. While in 
treatment mode, light from the therapeutic light unit is guided into the light distribution module and further coupled into 
the six 400 μm diameter fibers, which are inserted in the tumor.  
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Figure 2. A schematic description of the interstitial photodynamic therapy system used for the experiments (See Ref 3). 



In the measurement mode, light from the diagnostic light unit is coupled into one of the “patient fibers” via the light 
distribution module. After interacting with the sample the fluorescence light is collected by the other fibers and coupled 
into an imaging spectrometer covering the spectral range between 620 and 810 nm. A cut-off filter (Schott RG665) is 
used to attenuate the intense laser light at 635 nm from the laser light source. Wavelength calibration of the spectrometer 
is carried out using an HgAr lamp to determine the relation between wavelength and pixel number in the horisontal 
direction of the CCD chip.3

3.1.2 Attachment of crystal to fiber tip 
For the measurements, an end cut fiber with a core diameter of 400 μm (Fiberguide Industries, USA), was used. A small 
Alexandrite crystal was glued to the clear cut fiber tip, using the glue (Nordland Optical Adhesive 68, Norland Products) 
which needed to cure in UV-light for 30 minutes.  

3.2 Calibration of fiber 
The set-up used for temperature calibration is shown in Figure 3. The calibration was performed in the temperature 
interval 15 – 50 °C. Two fibers were immersed in an Intralipid solution of 1.28 % in a vessel. The distance between the 
fibers was approximately 12 mm. Initial tests were performed to investigate the influence of different scattering 
coefficients, by changing the Intralipid concentration. Different distances were also tested to study the effect of the 
distance between the two fibers. One fiber was used only for delivering the excitation light and the other one, with an 
attached piece of crystal, was used for detection of induced fluorescence light. The vessel and the fibers were placed 
inside a temperature controlled oven (FN300 Nüve Microprocessor). To monitor the actual temperature in the Intralipid, 
two thermistors were also placed in the vessel, close to the fibers. After approximately 45 minutes the temperature had 
stabilized in the solution, the laser in the IPDT system was turned on and was illuminating through fiber 1. The induced 
fluorescence light from the crystal was detected through fiber 2 in Figure 3, and an image was acquired with the 
detection unit. For each temperature, two different powers (90 mW and 130 mW) of the laser light were tested, in order 
to monitor the influences of the power in the fluorescence light. Then the temperature of the oven was increased and the 
procedure was repeated.  

Figure 3. The set-up used for calibration. The fiber used for illumination of the laser light (denoted 1) and the fiber with a piece of 
crystal (marked 2) are shown. 

3.3 Evaluation of a fluorescence spectrum 
The evaluation of the temperature was performed by using the concept of forming a dimensionless ratio. A summation 
was made for the intensities in two different wavelength bands, marked with Area 1 and Area 2 in Figure 4. A ratio was 
then formed between the two values from Area 1 and Area 2 for each measured temperature. 
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Figure 4. A fluorescence spectrum from alexandrite showing the wavelength bands used for forming a ratio. 

3.4 Experiment 
For the experiments performed in this study, two different arrangements of the two fibers were used. In arrangement A, 
see Figure 5a, the end cut fiber, denoted with 1 in the figure, was used for illumination during the simulated treatment. 
The other fiber (denoted 2), with a crystal attached to the fiber tip, was used to monitor the temperature. The treatment 
light was used to induce fluorescence in the crystal. The fluorescence light was guided through the fiber into the 
detection unit in the IPDT system. With this arrangement the temperature was monitored in the spot where the doped 
fiber was placed, which means a small distance from the treatment fiber.  

Figure 5. Two different arrangements of the fibers are shown. In A, the illumination fiber is denoted 1 and the detection fiber with the 
crystal is marked 2. In the arrangement in B, the illumination fiber is the doped fiber, (2), measuring the temperature in the same spot 
where the treatment takes place. The fiber, denoted 1, in B, is only used for inducing fluorescence in the crystal when a temperature 

measurement is performed. 

In fiber arrangement B, see Figure 5b, the fiber with a piece of crystal attached to the tip (denoted 2), was used for 
illumination during the treatment. This fiber was illuminating the whole time except during the temperature 
measurements, when it was used for detection of fluorescence light. The other fiber, denoted 1 in Figure 5b, was placed 
approximately 2 mm apart from the first fiber. Fiber 1 was only illuminating during the temperature measurements to 
induce the fluorescence in the crystal at the other fiber tip. With this set-up the temperature is monitored where the 
illumination fiber is located and not at a small distance as in arrangement A.  

3.4.1 Simulation of a superficial treatment on skin  
Both the fiber arrangements were used for the investigation on skin. With arrangement A, (Figure 5a), the two fibers 
were placed in close contact with the skin on the arm of a healthy volunteer. In the first measurement, a power of 130 
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mW through the illumination fiber was used, and detection of fluorescence light, with the doped fiber, was performed 
each 10 seconds during 2 minutes. This was done to see how the temperature increases in the beginning of the 
illumination period. In the following three measurements the distance between the two fibers was changed (see distance 
d in Figure 5a) with the values of 1 and 3 mm. The power from the illumination fiber was measured to 130 mW and the 
illumination was continued during 10 minutes. A fluorescence measurement was acquired each minute. The temperature 
of a larger area of the skin was monitored using an infrared camera (uncooled, AGEMA 570 Elite, Flir Systems Inc), 
which was saving a temperature image every minute. 

In the experiment using fiber arrangement B, two different powers, 75 mW and 110 mW, were used for illumination in 
order to monitor how the temperature changed as a result of different treatment power. One temperature measurement 
was performed before the treatment, to get information about the initial temperature. The treatment started by 
illuminating with the doped fiber (denoted 2 in Figure 5b). After 1 minute the other fiber (denoted 1 in Figure 5b) started 
to illuminate. Detection of induced fluorescence light from the crystal was performed through fiber 2. The illumination 
was continued as before and a temperature measurement was recorded each minute during the treatment. After 10 
minutes the treatment was interrupted, but the measurements continued for a few minutes to study the temperature 
change without any illumination.  

3.4.2 Simulation of an interstitial treatment in meat  
In the final experiments, regarding interstitial treatment, measurements were performed using a pork-chop as a tissue 
phantom. The two fibers were placed next to each other inside the meat. By using fiber arrangement A, a 10 minutes 
treatment was performed. In this case an output power from the illumination fiber was 130 mW and the depth of the 
fibers in the meat was approximately 12 mm. Two experiments were also conducted with arrangement B. In the first 
experiment the depth of the fibers was 18 mm and a power of 110 mW. The treatment continued during 20 minutes. In 
the last experiment the fibers were placed at a depth of 10 mm and a power of 110 mW, but only for 10 minutes. A 
temperature measurement was performed each minute. 

4. RESULTS AND DISCUSSION 

4.1 Calibration curve for fiber with attached crystal 
A calibration curve is shown in Figure 6, with the dimensionless ratio as a function of the corresponding temperature. 
For the calibration curve different fluorescence excitation powers were used. It can be seen in the figure that the 
influence of the power is very weak. The reason for that might be the formation of a dimensionless ratio, with the main 
advantage of cancelling out environmental effects. Tests were also performed when changing the distance between the 
fibers and different scattering in the Intralipid. The results, not presented here, show that the distance, between the 
illumination and detection fiber, does not affect too much, more when the distance is too big so the detected fluorescence 
signal becomes too weak, and noise disturbs the measurements. A different scattering power of the Intralipid phantom 
does not affect the ratio either. A quadratic polynomial was fitted to the acquired data points. This curve was later used 
as a calibration curve for determining the temperature measured during the tissue measurements.  



Figure 6. A calibration curve for the fiber with an attached crystal is shown. Measured values (crosses) and  
the fitted calibration curve (solid line) to these values are shown.  

4.2 Superficial measurements on skin 
The absolute temperature as a function of time can be seen at a small distance from the illumination fiber during a two 
minute long session on skin (Figure 7). A quadratic polynomial has been fitted to the measured values. As can be seen 
the temperature is increasing during the first two minutes and it is stabilizing at later times.  

Figure 7. The temperature increase during the first two minutes of superficial illumination on skin is shown. Measured temperatures 
(crosses) and a fitted line to the measured values are shown. 

The temperature increase can be seen as a function of time when changing the distance between the illumination and the 
doped detection fiber (denoted d in Figure 5A) for two different simulated treatment sessions, in Figure 8. When 
changing the distance between the two fibers, the temperature in different spots from the illumination spot will be 
monitored. As can be seen the temperature is increasing the closer to the illumination fiber the detection fiber is located.  



Figure 8. The measured temperature increase at two different fiber separations. 

An infrared image is shown after 5 minutes of a superficial treatment on skin (Figure 9). The same figure presents a 
graph of the temperature increase as a function of distance in the infrared image. As can be seen the increase is about 4 
°C close to the middle, which can be related to the same increase seen in Figure 8 for the distance 1 mm. Further out the 
increase is not of that high value. This shows how important it is to monitor the temperature in the right spot where the 
illumination is. 

Figure 9. An infrared image is shown 5 minutes after the start of a superficial treatment on skin (left). The temperature increase is 
shown as a function of distance (right). The solid line in the left image corresponds to the cross section showed in the right graph. 

It is interesting to see the temperature increase when using two different powers, as shown in Figure 10. In this figure the 
illumination fiber is the same as the doped fiber, (see fiber arrangement in Figure 5b), which means that it is the local 
temperature where the illumination fiber is located that is monitored. As can be seen, the temperature increase is larger 
when using the power of 110 mW compared to a power of 75 mW. This is not an unexpected behaviour when more 
energy is delivered to the tissue with a higher power. Another interesting feature is that the temperature increase is 
stabilized after 3 minutes for the power of 75 mW and after 4 minutes with the power of 110 mW, and for the rest of the 
treatment the temperature is rather constant. This can be explained by a balance between energy deposition due to light 
absorption and energy dissipation due to the blood flow where the illumination fiber is located. If the increase, as can be 
seen in the graph, is about 2-4 °C, the blood perfusion will increase to the area of the fiber to remove some of the extra 
heat. This might take about 3-4 minutes. The laser illumination was stopped after 10 minutes, but a few extra 



temperature measurements were performed to see how the temperature was decreasing. It seems like the temperature 
decreased even below the initial temperature. An explanation to this can be the increased blood perfusion in the area 
stimulated by the procedure. Only a few minutes after the treatment was interrupted, it seems like the temperature is 
stabilized again and probably will reach the initial temperature after a short while. A change in the blood perfusion to the 
initial perfusion will probably take a few minutes.  

Figure 10. The temperature increase as a function of time conducted at two different powers, 75 and 110 mW. 

The reason that the temperature increase is shown instead of an absolute temperature is that there is a difference in the 
initial temperatures on different locations of the skin.  

4.3 Interstitial measurements in meat 
The temperature increase during an interstitial treatment in a piece of meat is shown in Figure 11. Three different curves 
are shown, corresponding to three different treatment sessions. Two of the treatments were conducted for 10 minutes and 
one for 20 minutes. As can be seen in the graph, the temperature is increasing during the whole session. This can be 
compared to the superficial measurements on skin where the temperature increase is stabilized after a while as the blood 
perfusion most probably removes the heat. In interstitial treatment in meat there is no convection or blood perfusion 
which can stabilize the temperature, instead there will be an increase during the whole treatment. The measurements on 
meat symbolise thus no entirely realistic scenario because of the lack of tissue perfusion. 

Figure 11. The temperature increase for 3 different interstitial treatments performed in a piece of meat.  
The power/depth and the arrangement used are shown in the legend. 



5. CONCLUSIONS 

In this study we have shown that tissue temperature can be measured with an optical technique based on the detection of 
temperature dependent fluorescence light from the Alexandrite crystal. Simulations of superficial treatments on skin, 
using a bare cut fiber delivering 110 mW light power at 635 nm, showed that the temperature increase is about 2-4 °C for 
a treatment of 10 minutes. After 3-4 minutes the temperature remains almost constant most likely due to an increased 
blood perfusion to the area where the illumination fiber is located.  

Simulations of interstitial treatment in meat were also conducted, showing the similar temperature increase, but 
continuing through the entire treatment. In these cases an increase was shown for the whole treatment as no blood flow is 
existent in the meat.  

In the study we worked with two different fiber arrangements used for treatment. In the first arrangement the 
illumination fiber was not the same as the doped fiber. With this arrangement the temperature is not measured right at the 
illumination fiber where the light fluence rate is high. With the second arrangement, where the illumination fiber is also 
the crystal doped fiber, the temperature will be monitored exactly at the fiber tip where a high fluence rate is located.  A 
big temperature increase will only occur in a distance of a few hundred micrometers from the tip of the illumination 
fiber.9 This means that the fiber arrangement B (see Figure 5B) is the best for monitoring the local temperature at the 
fiber tip. 

Future work in the project involves more temperature measurements on simulated superficial treatments on volunteers to 
get a better statistics. Also more interstitial measurements in meat will be conducted. The robustness of the attachment of 
the crystal to the fiber tip is also an urgent question to be solved. So far, we have seen that only using glue to attach the 
crystal is not enough. The fiber tip becomes very fragile.  
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