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Abstract

Photodynamic therapy (PDT) as a cancer treatment modality
relies on the simultaneous presence of three components; light,
photosensitiser and oxygen. Once excited by the light, the photo-
sensitiser can interact with oxygen, leading to the formation of
toxic oxygen species. These reactive substances induce cellular
damage within the irradiated tissue volume. PDT has been inves-
tigated for treating malignancies in numerous organs and is nowa-
days an approved treatment modality for certain types of malig-
nancies of, for example, the skin, lungs, bladder and oesophagus.

However, PDT still suffers from several drawbacks. For ex-
ample, many photosensitisers accumulate also in non-malignant
tissue, introducing the risk of damaging surrounding, sensitive
tissue. Another drawback is the large intra- and inter-patient vari-
ation in treatment response despite utilising standardised light and
photosensitiser doses.

In this thesis, two approaches have been investigated with the
aim to overcome on the one hand, the sub-optimal tumour-selective
uptake of the photosensitiser, and on the other, the variable treat-
ment effects. For both tasks, spectroscopic techniques were em-
ployed to monitor parameters relevant to the PDT effect.

The first project involved pharmacokinetic studies of a novel,
liposomal photosensitiser formulation for both topical and intra-
venous administration. The topical application route led to good
tumour-selective uptake both in an animal skin tumour model and
in human skin malignancies. However, the clinical treatment con-
ditions, such as photosensitiser application time, light and photo-
sensitiser doses, need to be further optimised. Furthermore, follo-
wing systemic administration in a murine tumour model, the phar-
macokinetics of this novel formulation led to a rapid biodistribu-
tion and clearance from the blood stream. The tumour-to-skin and
tumour-to-muscle selectivity at two to eight hours after photosensi-
tiser administration were higher than reported for the free mTHPC
formulation.

The second approach aimed at implementing realtime treat-
ment feedback for interstitial PDT. The first in a series of instru-
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ments incorporated six optical fibres for light delivery and moni-
toring of light transmission and photosensitiser fluorescence in the
target tissue. Post-treatment data analysis indicated significant
differences between the intended and actual light dose distribu-
tions. Hence, we concluded there is a need for treatment moni-
toring and feedback in order to ascertain delivery of a prescribed
light dose to the entire target tissue. More recently, the hard-
ware has been adapted to interstitial PDT on the human prostate.
The number of source fibres has been increased to 18 and realtime
feedback based on a light dose threshold model has been imple-
mented. We can now present a clinical instrument for interstitial
PDT on prostate tissue incorporating modules for pre-treatment
planning, monitoring of the optical properties of the target tissue
and updating irradiation times in realtime. This realtime feedback
scheme has been evaluated for simulated treatment scenarios for
which it was concluded that the realtime dosimetry module makes
it possible to deliver a certain light dose to the target tissue de-
spite spatial and temporal variations of the optical properties of
the target tissue.
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Populärvetenskaplig
sammanfattning

Denna avhandling handlar till stora delar om fotodynamisk
tumörterapi (PDT). PDT har sedan början av förra århundradet
undersökts som ett tänkbart alternativ till str̊alningsbehandling,
kirurgi och kemoterapi för behandling av cancertumörer i kroppen.

Precis som namnet antyder involverar metoden en fotody-
namisk reaktion. För att denna reaktion skall ske behövs tre
komponenter; ljus, sensibiliserare och syre. Ljuset exciterar sen-
sibiliserarmolekylerna som i sin tur överför en del av energin till
bland annat syremolekyler. Syret, som förekommer naturligt i
biologisk vävnad, bildar därvid den giftiga molekyl som är den
egentliga celldödande substansen. Vävnadsdöd induceras endast
d̊a alla tre komponenterna är närvarande; var och en för sig är
varken ljuset, sensibiliseraren eller syret skadligt. Likas̊a beror
den totala behandlingsvolymen p̊a mängden ljus och koncentra-
tionen av sensibiliserare och syre. Till exempel gäller att vid
obegränsad syretillg̊ang ökar nekrosvolymen med mängden ljus
och sensibiliserare. Det är därför av stor vikt att kunna mäta
och/eller modellera mängden ljus, sensibiliserare och syre inom
den vävnadsvolym man vill behandla.

Tursamt nog besitter många sensibiliserare förmågan att
fluorescera, vilket underlättar för minimalt invasiva koncentra-
tionsmätningar. Fluorescens är ett fenomen där inkommande
ljus absorberas av molekylen för att strax därp̊a skickas ut med
en annan energi och därmed med en annan färg. Detta kan
åsk̊adliggöras genom att belysa till exempel en hudtumör, p̊a vilken
sedan tidigare n̊agon sensibiliserare administrerats, med bl̊att ljus.
De sensibiliserare som använts inom detta avhandlingsarbete fluo-
rescerar därvid i rött. Fluorescensljuset är ofta s̊a starkt att det
mänskliga ögat uppfattar ett rött skimmer fr̊an tumören. Med
hjälp av teknisk utrustning, s̊asom laser, spektrometer och CDD,
är det möjligt att använda fluorescensspektroskopi för att mäta
sensibiliserarkoncentration i biologisk vävnad.

Vidare kan mängden ljus inom den intressanta vävnadsvolymen
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beräknas genom att kombinera ett f̊atal stickprov, dvs mätningar
av ljustransmission i n̊agra olika punkter p̊a eller i vävnaden, med
en lämplig teoretisk modell för ljusutbredning. P̊a s̊a vis kan man
skaffa sig en uppfattning om hur pass l̊angt ljuset utbreder sig
och därmed inom hur stora volymer man kan förvänta sig full-
god behandling. Transmissionsmätningar vid flera v̊aglängder,
dvs för flera olika färger, kan dessutom relateras till vävnadens
syresättning och därmed till syretillg̊angen inom behandling-
somr̊adet.

Inom ramen för detta avhandlingsarbete har tv̊a
fr̊ageställningar undersökts i syfte att förbättra PDT som
cancerbehandlingsmetod. Dessa fr̊ageställningar berörs nedan.

Många sensibiliserare som används i klinik idag besitter
inte optimala tumörlokaliseringsegenskaper. Tyvärr ackumuleras
dessa substanser även inom normal, kringliggande vävnad, vilken
därmed löper risk att skadas under behandling. Som den första
fr̊ageställningen har vi undersökt distributionsmönstret av en ny
sensibiliserarformulering för b̊ade topisk och intravenös admin-
istrering. Dessa försök, som genomförts i tv̊a djurmodeller, visade
p̊a god förm̊aga hos sensibiliseraren att lokalisera inom tumörer.
Även för patienter med avancerade hudtumörer ledde topisk app-
licering av den nya substansen till god selektivitet mellan tumör
och kringliggande vävnad.

Vi, liksom m̊anga andra forskargrupper, har uppmärksammat
att vävnadens respons p̊a behandling skiljer sig åt mellan
patienter. Dessutom varierar sensibiliserarkoncentrationen och
ljusgenomsläppligheten lokalt inom tumörvävnaden. Inom
avhandlingsarbetets andra huvudsp̊ar har vi utvecklat h̊ardvara
och mjukvara för övervakning och kontroll av PDT-behandling.
V̊ar förhoppning är, att genom att anpassa behandlingen till varje
individuell patient, kan behandlingsresultatet förbättras. Nu-
varande instrument och tillhörande programvara gör det möjligt
att anpassa mängden ljus till lokala variationer i vävnadens
ljustransmission under behandling av prostatacancer.
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Figure 1.1. Friedrich Meyer-Betz
a) before and b) after injecting
himself with 200 mg
haematoporphyrin.

Chapter 1

Introduction

1.1 PDT in a historical perspective

Photodynamic therapy (PDT) is emerging as a promising treat-
ment modality for cancer in various organs. PDT relies on the
simultaneous presence of three components; light, photosensitiser
and oxygen. Cellular damage is caused by various reactive oxygen
species, induced by the light-activated photosensitiser.

The phrase ”photodynamic therapy” was first introduced by
von Tappeiner and Jodlbauer in 1907 [1]. Preceding this work,
a student of von Tappeiner, Oscar Raab, had by coincidence ob-
served peculiar effects of acridine on in vitro paramecium [2]. Per-
forming two experiments, only one resulted in the death of all
paramecia, whereas the other showed no toxic effects of the acri-
dine. As the only difference was the occurrence of a thunderstorm
during one of the experiments, Raab concluded that the transfer
of energy from the light, i.e. the lightning, to the chemical was of
importance for inducing toxicity. In collaboration with a derma-
tologist, von Tappeiner treated skin malignancies utilising eosin
and white light [3]. Some years later he also observed that oxygen
was necessary for the reaction to take place [4].

The porphyrins constitute one class of compounds that have
been used extensively for photodiagnostic as well as photothera-
peutic purposes. Friedrich Meyer-Betz was the first to demonstrate
human photosensitisation utilising this group of photosensitisers.
After injecting himself with 200 mg of haematoporphyrin he ex-
perienced pain and swelling in skin areas exposed to ambient light
and he remained photosensitive for more than two months [5].
This generalised photosensitivity, evident in Figure 1.1, is asso-
ciated with systemic administration of many photosensitisers of
today and constitutes one of the major drawbacks of this treat-
ment modality.

During the 1950s, the fluorescence properties of haematopor-
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1.2 Aim and outline of this thesis

phyrin together with its ability to sometimes accumulate selec-
tively in malignant tissue was investigated as a tool for tumour
detection in both animal and human tissues [6]. In 1955, Schwartz
demonstrated that haematoporphyrin did in fact consist of many
different substances of which the pure haematoporphyrin exhibited
only very poor tumour-selective uptake [7]. After isolating another
of these substances, haematoporphyrin derivative (HpD), Schwartz
and Lipson found evidence of improved phototoxicity [7] and tu-
mour localisation [8] as compared to pure haematoporphyrin.

Despite the many and extensive studies on the localising prop-
erties of HpD, it was not until 1966 that Lipson utilised the sub-
stance for cancer treatment; PDT on a single patient with a recur-
rent breast carcinoma [9]. Despite repeated treatments the lesion
recurred. Hence Dougherty et al. were the first to demonstrate
complete tumour clearance following HpD injection and irradia-
tion with red light in animal tumour models [10]. In 1976, Kelly
and Snell utilised HpD and a quartz rod for coupling light into the
bladder of a patient with a recurrent bladder carcinoma [11]. This
work was followed by the first large-scale clinical trial in which
Dougherty et al. were able to achieve an 87% cure rate (CR) of
the 113 skin tumours included in the study [12]. HpD is now one
of the most common photosensitisers in clinical and experimental
use. For further information on tumour detection and treatment
using HpD, the reader is referred to Refs. [6, 13]. Numerous clin-
ical trials have shown PDT to be a safe and successful treatment
option, also where conventional therapies fail. In particular, PDT
holds great potential for the treatment of superficial and easily ac-
cessible lesions, such as malignancies of the skin and hollow organs.
For example, more than 2 500 skin malignancies have been treated
at the Departments of Oncology and Dermatology, Lund Univer-
sity, Sweden, since 1987 [14, 15] and PDT is nowadays performed
on a weekly schedule.

Since the first clinical trials in the 1970s, extensive research
has been devoted to improving PDT as a cancer treatment modal-
ity. For example, the search for the ideal photosensitiser is ongo-
ing, scientists are still investigating the basic mechanisms behind
the photodynamic effect and different dosimetry models are being
developed and tested. Interstitial PDT (IPDT), relying on light
delivery via thin optical fibres implanted in the tumour, has been
developed in order to target also deep-lying and massive tumours.

1.2 Aim and outline of this thesis

Chapters 2-5 are intended to provide an introduction to the work
presented in Papers I-VIII as well as to summarise the work of oth-
ers that is relevant to the understanding of PDT and light prop-
agation in biological media. Hence, Chapter 2 gives an overview
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of PDT, its basic principles and the present status of some clin-
ical work. Chapter 3 describes important aspects of commonly
used photosensitisers and Chapter 4 introduces the theory of light
propagation in scattering and absorbing media. Finally, Chapter 5
presents some PDT dosimetry models.

The papers upon which this thesis is based summarise some of
the work performed at the Department of Physics, Lund Univer-
sity, with the aim to improve PDT as a cancer treatment modality
for skin and prostate malignancies. Two main objectives, having
the use of spectroscopic techniques as the common link, have been
pursued; first, the use of a novel liposomal photosensitiser formu-
lation, and second, the development of a system for IPDT with
realtime feedback for treatment of prostate malignancies.

For the first task, the pharmacokinetics of the novel photosensi-
tiser formulation were investigated in a murine skin tumour model
following topical application. Due to the good selectivity observed
in that study, the substance was for the first time evaluated for
clinical PDT of various human skin malignancies. The results
of these studies are presented in Papers I and II. Furthermore,
the pharmacokinetics of the liposomal photosensitiser formulation
were also studied following systemic photosensitiser administration
in a murine colon carcinoma model and are presented in Paper III.
The conclusions from these studies are discussed in the perspec-
tive of photosensitiser pharmacokinetics in general in Chapter 3.
In particular, the liposomal photosensitiser formulation is com-
pared to its non-liposomal counterpart and to another photosen-
sitiser conventionally used for topical PDT in Sections 3.2.2 and
3.4, respectively.

For the second task, an instrument for IPDT with realtime
monitoring of treatment-related parameters was developed and
used in a clinical setting. This instrument utilised six optical
fibres for both therapeutic light delivery and monitoring of the
light transmission, the photosensitiser fluorescence level and the
tissue near-infrared (NIR) absorbance. These measurements were
included to track the light distribution, the photosensitiser con-
centration and tissue oxygenation in realtime during a treatment
session. A total of ten treatment sessions were performed, mostly
of thick non-melanoma skin lesions, at the Departments of Onc-
ology and Dermatology at the Lund University Hospital, Lund,
Sweden. Paper IV describes the instrumentation and Papers V
and VI focus on analysing the spectroscopic data obtained during
the treatment sessions. The hardware was then further adapted to
allow for PDT in the prostate gland. In close cooperation with a
spin-off company, SpectraCure AB, Lund, Sweden, a novel instru-
ment, incorporating 18 optical fibres, was developed. Furthermore,
the software was extended to include pre-treatment dosimetry, as
exemplified in Paper VII, as well as realtime treatment feedback
based on the measured light transmission and a light dose thresh-
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1.2 Aim and outline of this thesis

old model. This dosimetry model is presented and evaluated in
Paper VIII. Chapter 5 discusses our realtime IPDT dosimetry
module with reference to existing PDT dose models and also pro-
vides some initial results on instrument performance.

In addition to discussing the two main objectives, some of the
experience gained while working with fluorescence and absorption
spectroscopy is incorporated into Sections 3.5, 4.6.2 and 5.5 of this
thesis.
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Chapter 2

Photodynamic therapy

This chapter provides an introduction to PDT. In Section 2.1 the
underlying chemical reactions are discussed and in Section 2.2 the
effects these photodynamic reactions induce in in vivo biological
tissue are described. Finally, the clinical status of PDT is summ-
arised in Section 2.3. Here, emphasis is on PDT for the treatment
of skin and prostate malignancies. Besides highlighting its clinical
use for these two indications, some of the remaining issues are de-
scribed. This discussion thus introduces and motivates the work
presented in Papers I to VIII.

2.1 The photodynamic reactions

Photodynamic therapy (PDT) relies on the light-induced activa-
tion of a photosensitiser and the subsequent formation of different
reactive species, which in turn cause cellular damage. Light with
a wavelength tuned to match an absorption band of the photo-
sensitiser excites it from the ground state, S0, into a higher lying
singlet state, S1; see Figure 2.1. From here, the photosensitiser
molecules either relax back down to the ground state or cross into
a triplet state, T1. From the triplet state, the transition back
to the ground state is spin-forbidden and hence the lifetime of
the excited state is long, allowing the molecule to interact with
its surroundings. The two processes that constitute the photo-
dynamic reactions are referred to as Type I and II reactions. Type
I reactions, involving electron or hydrogen atom transfer from the
triplet state of the photosensitiser to substrates other than oxy-
gen molecules, lead to the formation of highly reactive radicals
or radical ions [16]. These radicals most often react with oxygen
to form different reactive oxygen species (ROS), followed by the
formation of oxygenated products. On the other hand, Type II re-
actions involve an electron spin exchange between T1 and ground
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2.2 Mechanisms behind tissue damage

state oxygen molecules 3O2, leading to the formation of highly re-
active singlet oxygen,1O2 (1∆+

g ) [17]. Both processes, illustrated
in Figure 2.1, occur simultaneously and are critically dependent
on the presence of oxygen [18, 19]. Because the photosensitiser
returns to the ground state, one single photosensitiser molecule
can generate manifold reactive species. The relative involvement
of either Type I or II processes in the PDT action is influenced
by factors such as the biological condition of the target, the type
of photosensitiser used and its binding site within the tissue [20].
For example, it has been suggested that hypoxic conditions and/or
high photosensitiser concentrations might favour Type I reactions,
whereas high oxygen concentrations lead to domination of Type II
reactions [16, 21].

Most cellular structures constitute potential targets for the
photo-induced oxygen species. For example, in proteins certain
amino acids are targeted and in lipids the unsaturated bonds are
photo-oxidisable, leading to protein dysfunction, loss of enzymatic
activity and membrane damage [16, 22]. Eventually, the PDT-
induced functional and structural changes lead to cell death. Due
to the extremely high reactivity and short lifetime of the ROS, their
site of production, as determined by the localisation of the photo-
sensitiser, primarily dictates which cellular structures are targeted.
For example, it has been generally believed that within biological
media the diffusion distance of singlet oxygen is of the order of
∼10 nm [23]. However, recent results have indicated that in intact
cells the 1O2 is not as effectively quenched as one might infer from
bulk studies and thus the lifetime of singlet oxygen is much longer
than previously believed [24]. This also means that radius of activ-
ity of the singlet-oxygen molecule is significantly larger than stated
above. The diffusion distance of 1O2 can be compared to the size of
a typical living cell, ∼10 µm, or the thickness of the cell membrane,
∼10 nm, clearly emphasising the importance of localisation of the
photosensitiser on the targeted structure. The cellular compart-
ments in which the photosensitiser localise depend on the chemical
properties of the photosensitiser, such as its hydrophobicity and
charge, as well as on the cell line [25]. For example, lipophilic
photosensitisers accumulate in membrane structures such as the
mitochondrial, nuclear and plasma membranes as well as the en-
doplasmic reticulum, whereas hydrophilic photosensitisers mostly
accumulate in lysosomes [26].

2.2 Mechanisms behind tissue damage

The tissue damage caused by PDT is usually described in terms of
three interdependent mechanisms; direct cell kill, vascular damage
and activation of the anti-tumour immune system. These path-
ways are illustrated in Figure 2.2. The relative importance of
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Figure 2.2. A flow chart illustrating the mechanisms behind PDT-
induced tissue damage. Direct effects represent direct tumour cell dam-
age and vascular effects denote damage to epithelial cells in the vascular
system. CD: cell death.

each mechanism depends on the intra-tumoural localisation of the
photosensitiser, which is dictated by the mode of drug delivery,
the time between photosensitiser and light administration, also re-
ferred to as the drug-light interval (DLI), the chemical character of
the photosensitiser, the tissue vascularisation and the rate of light
delivery. This complex interplay is not yet fully understood but
one has observed that the long-term treatment effect is dependent
on all three effects [20, 27, 28].

2.2.1 Direct effects

Direct PDT effects on cells most often comprise a combination
of apoptosis and necrosis [29, 30]. Usually, apoptosis precedes
necrosis but the exact time course, the tissue volume affected and
the relation of apoptotic versus necrotic volume depend on the
photosensitiser [31], cell type and light dose [32]. Apoptosis can
be described as programmed cellular suicide and is a natural pro-
cess carefully controlled by intra- and extracellular signals. It is
considered a ”clean” death path since any residual cell compo-
nents are incorporated into apoptotic bodies which are thereafter
engulfed by macrophages. This process, most often initiated follo-
wing minor cell damage, prevents tissue inflammation. On the
other hand, necrosis results from higher levels of cell damage and
leads to a pronounced inflammatory response [31, 33]. Typical
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2.2.2 Vascular damage

features of apoptosis are nuclear condensation, plasma membrane
blebbing and appearance of apoptotic bodies, whereas necrosis is
characterised by cell swelling, rupture of membranes and loss of
chromatin [34]. Following PDT, the zone of necrosis is sharply de-
lineated, a fact that has led to the development of a threshold dose
model; see further Section 5.2. On the other hand, apoptosis can
be observed beyond this necrotic boundary [31]. These peripheral
regions have been exposed to lower light doses and thus it appears
that the more acute the damage, the more the path towards cell
death is shifted in favour of necrosis [30–32]. An interesting fea-
ture of PDT-induced apoptosis is that it appears able to overcome
the resistance to radiation and chemotherapy expressed by some
cells [32]. In general, apoptosis is initiated and controlled via four
main components; the mitochondria, a family of proteases called
caspases, activation of certain cell surface receptors and the Bcl-2
family proteins. The overall biological response to PDT probably
involves all these components to varying degrees, but it has been
shown that photosensitisers that bind to mitochondria are espe-
cially effective in inducing apoptosis [32]. Conversely, photosen-
sitisers that accumulate within lysosomes and plasma membranes
cause less damage and usually by non-apoptotic pathways [32, 35].
It is also known that PDT initiates a highly complex series of
signalling events out of which some contribute to the cell death,
whereas others antagonise this process. The possibilities of modu-
lating the treatment outcome at the molecular level are attracting
increasing attention [36, 37].

Autophagy is a third process in which cells are directly dam-
aged by PDT [38]. Autophagy, which was initially considered a
survival response following nutrient deprivation, is similar to apop-
tosis in that it can also be considered a type of programmed cell
death. This process involves encasing cell organelles in vacuoles
that fuse with lysosomes in order for their content to be digested
and recycled. It appears that autophagy can act either as a sur-
vival or a death route following PDT [38].

2.2.2 Vascular damage

In 1911, Hausmann was one of the first to observe PDT-induced
vessel damage [39]. Furthermore, in 1985 Henderson et al. estab-
lished the significant role of vascular damage for the total PDT
effect by comparing the treatment volumes of tumours remaining
in the host to those being excised and explanted following irradia-
tion [40]. The latter group was nearly unaffected by the treatment
and this led to the conclusion that damage to circulation in the
tumour is an important aspect of PDT. This observation was soon
confirmed by others and the importance of also targeting vessels
within a certain margin of normal, surrounding tissue was high-
lighted [41].
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The vascular photosensitivity is related to the level of cir-
culating photosensitiser [42]. Thus, a short DLI results in pro-
nounced vascular damage whereas a longer DLI allows the photo-
sensitiser to diffuse further away from the blood vessels, thereby
increasing the relative importance of direct effects as described in
Section 2.2.1 [43–45]. Furthermore, hydrophilic photosensitisers
mostly accumulate in the vascular stroma [46, 47] and hence cause
more vascular damage than do lipophilic photosensitisers [48, 49].
The endothelial cells are believed to be important to the vascu-
lar effect [27, 50, 51]. Following the light-induced oxidation, the
cytoskeleton of these cells is rearranged, leading to an altered cell
shape. As the tight junctions between the endothelial cells are
lost the base membrane is exposed, which induces platelet binding
and aggregation. This process further promotes release of, for ex-
ample, thromboxane, an eicosanoid that is known to cause vessel
constriction, further platelet aggregation and thrombus formation.
The blood flow is thus stopped and the ensuing hypoxia and nu-
trient deprivation induce local tissue damage.

The hypoxia resulting from the vascular collapse and the oxy-
gen consumption of the photodynamic reaction itself might render
cells resistant to further PDT damage [52]. Such hypoxic condi-
tions have been observed experimentally [53, 54] and much work
has therefore focused on monitoring tissue oxygenation and blood
flow during the PDT treatment; see Sections 5.2 and 5.4.

2.2.3 The immune response

Many commonly used cancer treatment modalities display pro-
nounced immunosuppressive effects. Although some components
of the host immune system are known to be sensitive to PDT,
the PDT-induced systemic anti-tumour immune response is be-
lieved important for the long-term tumour control [55, 56]. PDT
causes acute inflammation that triggers activation of tumour-
specific components of the immune system. This two-step process
is similar to the sequence of events following microbial invasion of
healthy tissue. In the early inflammatory phase, which is induced
primarily by the vascular PDT-effects as described in Section 2.2.2,
the treatment site is rapidly invaded by neutrophils [57], cytokines,
mast cells, monocytes and macrophages [55, 56, 58]. Figure 2.3 ill-
ustrates these components of the host immune system. One of
the roles of the macrophages is to remove cells damaged via the
direct PDT effects; see Section 2.2.1. The macrophages, together
with antigen-presenting cells such as dendritic cells and B cells,
will process and present tumour-specific antigens, a process that
further promotes the production of tumour-specific, cytotoxic T
lymphocytes [58]. This process constitutes one path towards the
development of a systemic tumour immunity. Evidence for such
systemic tumour immunity has been published by, among others,

9



2.3 Clinical use

Korbelik et al., who demonstrated that tumour-sensitised immune
cells could be recovered from lymph nodes distant from the treated
lesion at varying times post PDT [59]. Furthermore, the tumour
response to PDT was compared between normal and immunocom-
promised mice with poor long-term tumour control reported for
the latter group [60]. However, this effect could be reversed by
bone-marrow transplants from immunocompetent animals, further
emphasising the importance of the immune response is important
for eliminating those cancer cells surviving the more imminent ef-
fects of PDT. This conclusion is also supported by the observation
that distant, untreated metastases can regress following the PDT
treatment of the primary lesion [61].

An interesting approach to cancer treatment suggests produc-
ing cancer vaccines by performing in vitro PDT of cell cultures. It
has been shown that by injecting mice with a tumour-cell lysate
isolated from such cell cultures treated with PDT, these animals
became resistant to developing multiple tumours [62]. This ef-
fect was more pronounced for the PDT-produced vaccine than
lysates resulting from ultraviolet (UV) or ionising radiation. An-
other promising concept is to combine PDT with immunotherapy
in order to improve overall tumour cures. Strategies that are being
investigated involve intra-tumoural injection of an agent that stim-
ulates the innate immunity, i.e. the non-specific defence against
pathogens, or systemic administration of substances, such as cyto-
kines and regulatory T cells, that alter or augment different parts
of the immune system on the molecular or cellular level [55]. How-
ever, more research is needed before PDT-produced vaccines or
combination therapies can be benefitted from clinically.

2.3 Clinical use

Since first coining the term ”photodynamic therapy” more than
100 years ago, PDT has acquired clinical approvals for treatment
or palliation of some malignant and non-malignant indications and
many more trials have investigated its use for numerous other indi-
cations. This section will give a brief introduction to the clinical
use of PDT. Far from all contributions in bringing PDT into the
clinic are included, instead approved indications and promising
clinical trials for some advanced cancers are taken up. The clinical
work in this thesis is related to skin and prostate cancer and hence
Sections 2.3.1 and 2.3.2 describe PDT for these two indications in
more detail.

In contrast to radiation therapy, PDT can be repeated without
cumulative toxicity. PDT might thus play an important role for
tumours recurring after radiotherapy or surgery as these patients
are often not eligible for further radiation or surgery [43]. PDT
also has the potential of being a truly local treatment as the simul-
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Table 2.1: Approved PDT agents, corresponding indications and
countries of approval.

Photosensitiser Indication Country

Photofrin lung cancer Canada, Denmark, Finland,
France, Germany, Ireland,
Japan, The Netherlands,
UK, U.S.

gastric cancer Japan
cervical cancer Japan
bladder cancer Canada
oesophageal cancer Canada, Denmark, Finland,

France, Ireland, Japan,
The Netherlands, UK, U.S.

Barrett’s HGD Canada, EU, U.S.
mTHPC head & neck cancer EU, Norway, Iceland
ALA AK U.S.
m-ALA AK, BD EU

BCC EU
BPD AMD Canada, U.S.

taneous presence of light, photosensitiser and oxygen is required.
Appropriate light delivery systems can be utilised to tailor the
light distribution to the target tissue [63, 64] and the use of green
light as the activating radiation can limit the treatment depth in
the case of thin, superficial lesions [65]. Furthermore, some photo-
sensitisers display tumour-selective uptake, as will be discussed in
Section 3.1.2, further promoting treatment selectivity. Additional
advantages of PDT include preservation of the tissue structure [43],
good cosmetic outcome [66, 67] and cost-effectiveness [65]. In con-
trast to radiotherapy and many cytotoxic drugs used for cancer
treatment, PDT induces only a limited effect on DNA and there-
fore is not considered cancerogenic. This has been explained by the
fact that most photosensitisers accumulate outside the cell nucleus
and do not readily bind to DNA [21, 68].

Since the early days of PDT, it has attracted particular in-
terest for the treatment of superficial malignancies, since for le-
sions of the skin or within hollow organs PDT can be applied
non-invasively. PDT utilising the photosensitiser Photofrin was
first approved for the treatment of bladder cancer in 1993. This
approval was soon followed by others, such as Photofrin-mediated
PDT for lung, cervical and oesophageal cancer. Table 2.1 lists
approved PDT photosensitisers together with their corresponding
indications. For hollow organs, illumination is provided utilising
flexible cylindrical diffusers inserted through an endoscope. As
PDT preserves the mechanical integrity of connective tissue struc-
tures it is characterised by much improved long-term functional
and cosmetic outcomes [65].
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2.3.1 PDT for skin disorders

Table 2.2: Selected clinical PDT trials on advanced cancers.
Indication Photosensitiser Ref.

liver HpD [73, 74]
pancreas mTHPC [75]
brain HpD, Photofrin [76–78]

ALA [79, 80]
mesothelioma mTHPC [81]
peritoneum HpD [82]

Although not a malignant indication, the use of PDT for the
treatment of age-related macular degeneration (AMD) and other
eye diseases related to choroidal neovascularisation (CNV) should
be mentioned due to its widespread use. In CNV, blood vessels
start to grow in the retina, leading to irreversible loss of the cen-
tral vision field. PDT, often relying on the use of benzoporphyrin
derivative (BPD, trade name: Verteporfin), aims at permanently
destroying these abnormal blood vessels. Recently published re-
sults from European and North American multi-centre trials have
led to recommendations of BPD-PDT for the treatment of sub-
foveal lesions with certain CNV growth patterns [69, 70].

Table 2.2 presents a few selected clinical PDT trials for some
additional advanced cancerous indications. Due to the advantages
already discussed, PDT constitutes a treatment option that might
become valuable for these indications. For reviews on clinical PDT,
the reader is referred to Refs. [65, 71, 72].

2.3.1 PDT for skin disorders

Non-melanoma skin cancer (NMSC) is the most common malig-
nancy in the Caucasian population and displays increasing inci-
dence rates. For NMSC, including basal cell carcinomas (BCC),
squamous cell carcinomas (SCC) and Bowen’s disease (BD), as well
as for non-cancerous indications such as actinic keratosis (AK) the
cosmetic outcome, patient preference and ease of treatment are
important factors in selecting the appropriate treatment. Con-
ventional therapies include surgical resection, ionising radiation,
cryosurgery, Mohs’ micrographic surgery, curettage and electro-
desiccation and are associated with different degrees of scarring,
fibrosis, altered pigmentation and extended healing times.

PDT has been used successfully in the treatment of NMSC and
its use is widespread due to the good or even excellent cosmetic
outcomes. Furthermore, this treatment method is non-invasive,
easy to use and applicable for lesions covering large areas. Al-
though the limited penetration depth of the activating light might
increase the risk of recurrences within deeper lying tissue regions,
for some applications it leads to a natural protection of the normal
tissue below the tumour. The general photosensitivity remain-
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Table 2.3: Recently published recommendations for the use of
ALA-PDT in the treatment of skin diseases [67].

Indication Typical CR Recommendation

sBCC 80-97% AI
nBCC 70-91% AI
SCC 40% CIIiii
AK 69-100% AI
BD 83-100% AI

strength
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Figure 2.4. a) Strength of
recommendations together with
b) quality of evidence [67].

ing after systemic administration of many photosensitisers can be
avoided by utilising topical application of the photosensitiser pre-
cursor amino-laevulinic acid (ALA). As a part of the heme biosyn-
thesis, ALA is converted into the actual photosensitiser protopor-
phyrin IX (PpIX) [83]; see further Section 3.3. Different ALA ester
derivatives have been developed to improve biological availability
and skin permeability. One of these, methyl amino-laevulinate
(m-ALA), is marketed as Metvix and Levulan in Europe and the
U.S, respectively. ALA or m-ALA is often applied as a cream
for three to 18 hours [67] leading to good tumour-selective up-
take of PpIX [83, 84]. Drawbacks of ALA- or m-ALA-PDT in-
clude the treatment-related pain [66, 85] and limited treatment
depths [83, 86, 87].

Topical ALA-PDT for BCC, SCC and AK was first performed
in a clinical setting in 1990 [88]. Today, it is widespread and off-
ered as a standard procedure at numerous hospitals including the
Lund University Hospital. This section will try to reflect the great
progress ALA-PDT has made in becoming an accepted treatment
option for NMSC by quoting a recently published recommenda-
tion [67] from a meeting of the International Society for Photo-
dynamic Therapy in Dermatology1. Table 2.3 lists some common
indications, typical CR following PDT and the evidence-based rec-
ommendations. The scoring system for strength of recommenda-
tions is illustrated in Figure 2.4. BCCs rarely metastasise and are
classified as either superficial (sBCC) or nodular (nBCC). Large
phase III trials have proved ALA- or m-ALA-PDT to be a good
treatment option for sBCC with 80 to 97% CR [67, 83]. nBCCs are
typically thicker than sBCC and result in slightly lower CR. PDT
for BCCs is given the highest recommendation as it results in good
cosmetic outcome and long-term treatment efficacy. In contrast to
BCCs, SCCs are potentially metastatic. Initial CR following PDT
are usually high (54 to 100%) but so are recurrence rates. For this
indication, PDT does not display any advantage over conventional
treatment options and is therefore given a much lower rating. Also
for AK, constituting the most common premalignant skin lesion,
and BD, presenting as SCC in situ, PDT receives the highest rec-

1The society homepage at http://www.euro-pdt.com/index.html.
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ommendation, a great extent due to good cosmetic outcome and
high CR.

However, for nodular and thicker skin malignancies, ALA-PDT
is associated with lower treatment efficacy [83]. Numerous factors
contribute to the limited CR. First, the longest possible wave-
length used for activating the photosensitiser falls within the spec-
tral region where blood absorption is relatively strong and thus the
penetration depth of the therapeutic irradiation is restricted [86].
Also, the absorption coefficient of the photosensitiser at this wave-
length is relatively low [89]. The importance of these two effects
will be further discussed in Section 3.1.1. Furthermore, the pene-
tration depth of the ALA molecule itself might also limit treatment
depths [87]. Other photosensitisers have therefore been evaluated
for the treatment of skin malignancies; HpD [90], BPD [91] and
meso-tetra(hydroxyphenyl)chlorin) (mTHPC) [92]. However, the
systemic administration route used in these studies led to high lev-
els of generalised photosensitivity as well as poor tumour-selective
uptake. Section 3.4 will discuss further efforts towards improving
PDT for topically applied photosensitisers.

2.3.2 PDT for prostate cancer

In contrast to PDT for skin malignancies, prostate-PDT has not
been as thoroughly studied and has not yet reached the same
clinical status. The feasibility of utilising PDT for the treat-
ment of prostate cancer was first investigated in pre-clinical, ca-
nine studies. The pharmacokinetics of photosensitisers such as
mTHPC [93], ALA-induced PpIX [94] and Pd-bacteriopheoporbide
(WST09) [95] as well as the respective treatment-induced areas of
necrosis were investigated. It was concluded that PDT was capable
of inducing significant necrotic volumes within the prostate while
maintaining the glandular volume and shape. Furthermore, these
studies reported on only transient or minor urethral complications,
giving some evidence that the urethra is not a very sensitive organ
with regard to PDT.

Conventional therapies for prostate cancer include radical
treatments such as surgery, external and internal beam radiation
therapy (also referred to as brachytherapy) as well as hormonal
therapy, cryotherapy and thermotherapy [96]. For these methods,
the CR is usually high but side-effects such as incontinence and
erectile dysfunction are common due to the destruction of many
surrounding organs during the treatment. PDT is thus being inves-
tigated as a treatment alternative for which one hopes for equally
high treatment efficacy but better discrimination between target
tissue and organs at risk (OAR). Today, prostate-PDT most of-
ten relies on light delivery via transperitoneally inserted cut-end
optical fibres or cylindrical diffusers. As for brachytherapy, the
positioning of the sources is facilitated by hollow steel catheters,
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source fibre insertion aided by
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trochars, an external positioning grid and a transrectal ultrasound
probe as illustrated in Figure 2.5.

Utilising the photosensitiser mTHPC and light delivery via
cut-end fibres, Bown et al. [97–99] have performed PDT in sec-
ondary and primary prostate cancer. Figure 2.6 shows contrast
enhanced magnetic resonance images (MRI) for a patient with pri-
mary prostate cancer prior to and at four days and two months af-
ter light delivery. mTHPC-PDT proved capable of inducing signif-
icant volumes of necrosis and decreasing prostate-specific antigen
(PSA) levels. Treatment-related complications consisted of tran-
sitory irritative voiding symptoms, stress incontinence and slight
deterioration of (however, impaired already pre-PDT) sexual func-
tion. For both secondary and primary cases, PSA levels eventually
started to increase again and evidence of viable cancer tissue post-
PDT could be observed in all patients. ALA-PDT has been inves-
tigated by Sroka et al. [94] for primary prostate cancer patients,
resulting in decreasing PSA levels (20-80%) without any evidence
of incontinence or dysuria after PDT. Furthermore, at the Uni-
versity of Toronto the vascular-targeted photosensitiser WST09 is
being investigated for recurrent prostate cancer [100, 101]. Phase
I/II clinical trials have investigated escalated light and drug doses.
In a recent publication by Haider et al. [102] MRI post-PDT in-
dicated treatment-induced necrosis and sparing of the neurovas-
cular bundles in all 25 patients. On the other hand, the PSA
levels assessed at four and twelve weeks after therapy showed poor
correlation to the intra-prostatic necrotic volume. Finally, at the
University of Pennsylvania it has been concluded that PDT utilis-
ing motexafin lutetium (MLu) is an attractive and safe treatment
option associated with only mild and transient toxicity [103].

The clinical prostate-PDT studies cited above give evidence of
significant intra- and inter-patient variations of the light-induced
tissue necrosis. A possible explanation lies in the observation
of varying light levels, photosensitiser and oxygen concentrations
and the heterogeneous optical properties of the tissue [103]. The
development of instrumentation and dosimetry models that in-
clude realtime monitoring of parameters important to the treat-
ment outcome has recently received increasing attention [100, 104].
Furthermore, a more detailed photosensitiser and light dosimetry
might lead to better discrimination between target tissue and surr-
ounding sensitive organs. The concept of individualised realtime
treatment feedback is along the lines described in Papers VII and
VIII as will be discussed in greater detail in Section 5.5.3.

To summarise the referenced prostate studies, PDT seems to
be a safe treatment modality capable of inducing significant tissue
necrosis in the prostate with only minor and transient complica-
tions. The drawback of the prolonged generalised photosensitivity
can be avoided by utilising WST09 and ALA-induced PpIX due
to the rapid clearance of these PDT agents as compared to for ex-
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a)

b)

c)

Figure 2.6. Contrast enhanced
MRI of a primary prostate cancer
a) prior to, b) four days and c)
two months after PDT. In a) the
four optical fibres used for light
delivery can be seen. In c) the
enhancement pattern indicates
progressed healing with resolved
necrosis and little effect on
connective tissue. The figure has
been adapted from Ref. [97].

ample mTHPC and MLu. Utilising WST09, the photosensitiser is
actually administered intravenously in parallel with the delivery of
the therapeutic irradiation [100]. However, such short drug-light
intervals might negatively influence the tumour-selective photo-
sensitiser distribution as will be discussed in Section 3.1.2. At the
moment, clinical work is in the process of evaluating the long-term
effects of prostate-PDT, the feasibility of targeting either the full
gland or only the cancerous sites and the possibility of introducing
individualised dosimetry.
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Chapter 3

Photosensitisers

Over the decades it has become increasingly obvious that the con-
cept of the ”optimal” photosensitiser is quite controversial. Of-
ten different indications and treatment situations require conflict-
ing photosensitiser characteristics. Some of these properties are
discussed and put in relation to existing photosensitisers in Sec-
tion 3.1. In Sections 3.2 and 3.3 the photosensitisers used in
this thesis, i.e. mTHPC and ALA-induced PpIX, are discussed
in greater detail. In particular, the pharmacokinetics of a liposo-
mal mTHPC formulation, presented in Paper III, are discussed
and compared to that of the conventional mTHPC formulations
in Section 3.2.2. Alternatives for improving PDT with topically
administered photosensitisers are discussed in Section 3.4 in which
the conclusions from Papers I and II are also summarised. Fi-
nally, in Section 3.5 fluorescence in general, and mTHPC and PpIX
fluorescence in particular, is presented as a tool for concentration
measurements, tissue diagnosis and PDT dosimetry.

3.1 Optimal versus existing photosensitisers

This section presents some photophysical, chemical and pharma-
cological properties of an ideal photosensitiser [49, 105–108] and
relates these characteristics to a few selected photosensitiser fam-
ilies. These photosensitiser groups, presented in Table 3.1, are
all based on multiple planar-aromatic molecules containing several
conjugated, i.e. alternating single and double, bonds. The basic
chemical structures of porphyrin and chlorin, to which PpIX and
mTHPC belong, respectively, are shown in Figure 3.1. By varying
the chemical composition of sidechains and introducing metalla-
tion with different metal atoms, the photophysical, chemical and
pharmacological properties of the compound are affected.
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3.1.1 Photophysical characteristics

Table 3.1: Photophysical properties of a few selected photosensi-
tisers, PS. λ: longest absorption wavelength, ε: extinction coeff-
icient, Φt: triplet state yield, Φ∆: singlet-oxygen yield, Φfl: fluo-
rescence yield.

PS λ ε Φt Φ∆ Φfl

(nm) (M−1cm−1)

Porphyrins:

PpIX 633 5000 0.6
Photofrin 630 1170 0.2-0.3 0.89 <0.1
Chlorins:
mTHPC 652 22400 0.3-0.43 0.89

BPD 690 35000 0.68 0.84 0.1
Bacteriochlorins:
WST09: 740 32000 0.99 ≤0.01

Phthalocyanines:

AlS2Pc 680 110000 0.2-0.6 0.3-0.6 0.08-0.35
AlS4Pc 680 110000 0.2-0.6 0.38 0.3-0.5

Texapyrins:

MLu 734 42000
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Figure 3.2. A simplified Jablonski
diagram illustrating possible
transitions following light
absorption. Dashed lines (D1 and
D2) collectively indicate processes
that quench the induction of
ROS. h is Planck’s constant, c is
the speed of light and the other
symbols have been explained in
relation to Table 3.1.

3.1.1 Photophysical characteristics

The photophysical properties of a photosensitiser influence its pro-
duction efficiency of singlet oxygen. Following absorption of light,
a series of energy transitions need to take place in order to induce
1O2; see Section 2.1. Some of the processes are repeated in the
simplified Jablonski diagram in Figure 3.2.

Firstly, the extinction coefficient, ε, at the therapeutic wave-
length, controlling the transition S0 + hν → T1, needs to be high
to efficiently excite the photosensitiser and decrease the light and
drug doses required. Photosensitiser absorption at long wave-
lengths increases treatment depth due to the lower light atten-
uation in the red and NIR wavelength regions. Typical absorption
spectra are illustrated in Figure 3.3 for two different tissue types.
The dependence of the light transmission on wavelength will be fur-
ther discussed in Section 4.5. However, for Type II reactions the
therapeutic wavelength should correspond to an energy exceeding
that of the singlet-oxygen state, i.e. E∆=0.97 eV, plus the energy
gap between the excited photosensitiser S1 and T1 states, Eδ=0.5-
0.6 eV [106]. Thus, the excitation wavelength should not exceed
approximately 850 nm to efficiently induce the production of 1O2.
Furthermore, absorption bands between 400 and 600 nm should be
avoided to minimise the risks associated with generalised photosen-
sitivity and sunlight. On the other hand, when treating superficial
malignancies in the oesophagus, for example, green light is desir-
able in order to limit the penetration depth and avoid perforation
of mucosal membranes [109].

Due to the reduction of one or two double bonds, the chlorins
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Figure 3.3. Typical absorption
spectra, µa, of prostate (solid
line) and breast (dashed line)
tissue. The following data were
used for deriving µa; Prostate:
[Hb] = 65 µM, [HbO] = 150 µM,
µ′s(660 nm) = 9 cm−1 [110],
[water] = 30% and [lipids] = 5%.
Breast: [Hb] = 5 µM, [HbO] = 15
µM, µ′s(660 nm) = 8 cm−1 [111],
[water] = 30% and [lipids] = 50%.
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Figure 3.4. Energy level diagram
for a) N1 and b) N2 delocalised π
electrons.

and bacteriochlorins have 20 and 18 delocalised π electrons in the
aromatic ring, respectively, as compared to 22 for porphyrins. In
analogy to the square-well potential, the Schrödinger equation can
be used to describe the energy levels of these systems [21];

El =
h2(l + 1)2

8mW 2
+ E(l, N) l = 1, 2, . . .

N = 1, 2, . . . (3.1)

Here, l is the energy state, m is the electron mass and W is
the width of the square well, assumed to be constant for the diff-
erent photosensitiser ring systems. The term E(l, N) denotes the
electron-electron interaction which acts to decrease the binding
energy of the excited energy levels within the well. Figure 3.4
is an oversimplified energy level diagram for two systems to illus-
trate the higher energy required for the excitation from the ground
state in systems with an increasing number of delocalised electrons.
Thus, the blue-shifted absorption bands of porphyrins as compared
to chlorins and bacteriochlorins, see Table 3.1, can be explained.
Metallation of the chlorin or bacteriochlorin molecules also acts to
red-shift and strengthen their absorption within the red [108].

The triplet state yield, Φt, controlling the conversion S1 →
T1, the lifetime of the triplet state, τt, as well as the yield of
singlet oxygen, Φ∆, influencing the pathway T1 +3 O2 →1 O2 +S0,
should be high. In general, metallation influences these conversion
efficiencies as well as the lifetime of the triplet state. For example,
adding aluminium or another diamagnetic cation improves the Φt

and τt of the phthalocyanines, whereas the compound ZnPc has
essentially zero yield of singlet oxygen [108].

The dashed arrows in Figure 3.2 indicate various decay pro-
cesses that act to lower Φt and Φ∆. In particular, the transition
S1 → S0 might give rise to fluorescent light with a quantum eff-
iciency of Φfl. Despite the fact that this process decreases the
triplet state yield, it constitutes an attractive feature as the fluo-
rescence can be utilised as a tool for tissue diagnosis, photosensi-
tiser pharmacokinetics and PDT dosimetry as will be described in
Section 3.5. For optimal fluorescence studies, the photosensitiser
should exhibit tumour-selective uptake, little dependence of the
fluorescence yield on the chemical environment and a character-
istic fluorescence spectrum that is easily resolved from the tissue
autofluorescence, i.e. the fluorescence originating from naturally
occurring chromophores. In addition, the photosensitiser should
fluoresce at >650 nm to minimise the influence of absorption by
haemoglobin. Finally, photosensitiser absorption bands at both
short and long wavelengths provide the possibility to probe either
very superficial or deeper lying tissue regions. The term photo-
bleaching refers to the oxidation of ground state photosensitiser
molecules by the light-induced ROS [108, 112], leading to a con-
sumption of the photosensitiser during the therapeutic irradiation.
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3.1.2 Biological distribution

The ability to photobleach has been suggested to promote tumour-
selective treatment, provided that the photosensitiser concentra-
tion is higher in the tumour than in normal tissue. In this case, the
photosensitiser might be photodegraded before a sufficient amount
of ROS has been created, thus protecting tissues characterised by
low photosensitiser concentrations [106, 112].

3.1.2 Biological distribution

A high tumour-selective uptake with low levels of systemic toxicity
is perhaps the most essential characteristic of a good photosensi-
tiser. Furthermore, a fast distribution and rapid clearance would
limit the treatment to one single hospital visit and avoid the risk
of prolonged general photosensitivity. Finally, the photosensitiser
should be stable, chemically pure and exhibit no dark toxicity. All
these properties, some of which are discussed below, are influenced
by the chemical composition of the photosensitiser, its hydropho-
bicity, charge, polarity and molecular size.

Opposing photosensitiser characteristics may present differ-
ent advantages from the perspective of achieving good PDT effi-
cacy. For example, the choice between a hydrophilic and lipophilic
photosensitiser is not obvious. Photosensitisers belonging to the
former group are easily dissolved and do not aggregate, i.e. form
dimeric or oligomeric compounds, in aqueous media. Aggrega-
tion effectively shortens the triplet state lifetime, decreases the
yield of singlet oxygen, alters the absorption properties and in-
fluences the distribution within biological media. An aggregated
substance often constitutes a less efficient photosensitiser. On
the other hand, lipophilic photosensitisers are known to localise
intracellularly, thus reaching biological structures that constitute
more effective targets for the photodynamic action [26, 28, 46, 47],
and they generally exhibit a higher quantum yield of singlet oxy-
gen [26, 28]. Amphiphilic photosensitisers, i.e. photosensitisers
that possess both hydrophilic and lipophilic properties, have been
suggested to constitute near-optimal photosensitisers [21]. These
substances are less prone to aggregate than are lipophilic photo-
sensitisers and they are able to efficiently bind to important PDT
targets, such as proteins at the interface between hydrophobic and
hydrophilic regions of membranes [113]. Amphiphilic photosensi-
tisers have been shown to be more photodynamically active than
photosensitisers exhibiting either hydrophilic or lipophilic charac-
teristics [114].

Most photosensitisers induce general photosensitivity that re-
mains for hours to months following systemic administration.
When supplied via the blood, photosensitisers accumulate in or-
gans rich in reticulo-endothelial components, i.e. phagocytic cells.
The highest photosensitiser levels are thus found in the liver, spleen
and kidneys followed by the lungs and heart, skin and muscle and
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finally brain tissue [115–117]. The fibrous tissue matrix, consist-
ing of collagen, elastin and reticular fibres, also displays photo-
sensitiser accumulation. The high uptake in skin constitutes a
major drawback of many existing photosensitisers, leading to lim-
ited tumour-to-skin concentration ratios (≤1:1 to 2:1 [116]).

Although largely dependent on photosensitiser and tissue type,
photosensitiser retention and treatment-induced tissue damage
are thus far from tumour-selective [118]. The sometimes observed
selectivity is most likely not due to any particular property of
the tumour cells as compared to normal cells but rather due to
certain physiological prerequisites that promote photosensitiser
accumulation within tumour tissue [119]. For example, tumours
are often characterised by decreased pH, a condition that renders
a photosensitiser more water soluble and increases retention [120].
A leaky vasculature [121] and poor lymphatic drainage [121]
further promote accumulation and retention in tumour tissue.
Furthermore, tumour-associated macrophages are capable of
accumulating large amounts of aggregated photosensitiser [122].
Increased selectivity can also be achieved for photosensitisers that
bind to low-density lipoproteins (LDL) [49, 123, 124]. LDL are
serum lipoproteins that transport cholesterol and triglycerides to
cells. Due to their rapid proliferation, cancer cells present an in-
creased number of LDL receptors. Lipophilic photosensitisers bind
more readily to LDL than do hydrophobic dyes, thus promoting
tumour-selective uptake via LDL receptor-mediated endocytosis.
By pre-associating the photosensitiser with LDL [123, 125] or
incorporating it into liposomes [126–129], which interact with
serum lipoproteins, an improved tumour-selective uptake has
been observed. Section 3.2.2 will focus on the pharmacokinetics
of liposome-encapsulated mTHPC. Other strategies for improving
tumour-selective localisation are based on active targeting,
realised for example by linking either the photosensitiser [127] or
the liposome encapsulating the photosensitiser [126] with antigen-
specific monoclonal antibodies. Finally, the time interval between
photosensitiser and light delivery also affects the treatment
selectivity. As already mentioned in Section 2.2.2, a longer DLI
allows the photosensitiser more time to diffuse out of the blood
vessels and into the surrounding tissue, thus increasing tumour
selectivity. However, some uncertainties remain as to whether
longer DLI actually improves treatment response. Tissue regions
at larger distances from the oxygen-supplying blood vessels might
quickly become hypoxic during therapeutic irradiation, thus
effectively halting further PDT action [49, 130].
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Figure 3.5. The mTHPC
molecule.
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Figure 3.6. a) εmTHPC with the
absorption bands indicated. b)
mTHPC fluorescence following
excitation at 405 nm.

3.2 Temoporfin

The molecular structure of mTHPC is illustrated in Figure 3.5.
The extinction coefficient and fluorescence spectrum following ex-
citation at 405 nm are shown in Figure 3.6 for mTHPC dissolved
in ethanol1. mTHPC is one of the most potent photosensitisers
in clinical use today and displays phototoxicity exceeding that of
HpD by a factor of 100-200 [131]. This can be partly attributed
the higher extinction coefficient, the longer treatment wavelength,
the slightly higher triplet and singlet state yields and a remark-
ably tight intracellular binding [131, 132]. In addition, mTHPC
results in shorter periods of generalised photosensitivity than does
HpD [92, 133]

3.2.1 Pharmacokinetics

mTHPC localises at intracellular sites that are typical for hydroph-
obic and amphiphilic [114] photosensitisers, i.e. within membranes
of mitochondria [134], endoplasmic reticulum and the Golgi appa-
ratus [135]. Recently, localisation in the nuclear envelope has also
been observed [136].

Animal models, such as mice, rats, hamsters, dogs and rabbits,
are extensively used to study photosensitiser pharmacokinetics
with the aim to optimise clinical drug and light delivery conditions.
Although it is often impossible to directly extrapolate accumula-
tion and elimination rates from animal to man [138], much know-
ledge is gained on the general distribution pattern of the photosen-
sitiser. For example, pharmacokinetic studies following systemic
administration of mTHPC in mice indicate rapid clearance from
the plasma and high levels in organs of the reticuloendothelial sys-
tem (RES), such as the liver, spleen and lungs, for short times after
photosensitiser administration [117, 137, 139, 140]. Maximum con-
centration in the tumour, skin and muscle is usually achieved later,
i.e. one to two days after photosensitiser administration [139, 140].
At these relatively long DLI the selectivity between tumour and
surrounding skin/muscle peaks. Figure 3.7 shows typical mTHPC
levels in different organs following systemic photosensitiser admin-
istration in a murine tumour model [137].

Quite surprisingly, the correlation between the intra-tumoural
mTHPC levels and the resulting PDT efficacy is poor [137, 141].
Instead, maximum PDT effect is observed for short DLI, when
the photosensitiser concentration within the blood stream is
high [141, 142]. PDT performed shortly after drug administration
results in pronounced overtreatment of normal, surrounding tissues
and little true treatment selectivity whereas irradiating at the later
time point generates better selectivity [143]. These observations

1Data were provided by biolitec AG, Jena, Germany.
http://www.biolitec.com
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indicate that mTHPC-mediated PDT is capable of inducing both
vascular damage, which is pronounced at early times post injection,
and direct cell kill, as evident at longer DLI when the photosen-
sitiser has diffused out of the blood vessels into the surrounding
tumour tissue [144, 145]. More recent reports have confirmed these
observations in clinical treatment situations [92, 146].

3.2.2 Liposomal delivery

The biodistribution of hydrophobic photosensitisers depends on
the delivery vehicle, as it influences how the compound will be dis-
tributed among the serum proteins [114, 147]. As was discussed
in Section 3.1.2, association with LDL favours a tumour-selective
uptake and liposomes have been proposed to constitute a deliv-
ery system that orientates the systemically administered photo-
sensitiser towards lipoproteins [123]. In Paper III we investigated
the mTHPC pharmacokinetics in a murine tumour model follo-
wing systemic administration of this photosensitiser incorporated
into the lipophilic bilayer of liposomes based on dipalmitoylphos-
phatidylcholine (DPPC). This compound is referred to as Foslip.
Following injection, the mTHPC molecules are believed to exist in
a more monomeric form than if administered in the conventional
ethanol, polyethylene glycol and water solution. In Figure 3.8 the
mTHPC concentration in various organs following Foslip admin-
istration is compared with the levels reported following injection
of mTHPC dissolved in ethanol, polyethylene glycol and water.
Our main finding was an unusually high tumour-selective uptake
as compared to muscle (6.6:1) for DLI of two to eight hours. Com-
bined with the very low mTHPC levels observed in blood plasma,
this indicates a more rapid biodistribution as compared to mTHPC
in the ethanol-based solution. In agreement with our observations,
improved selectivity and bioavailability have also been observed by
incorporating other hydrophobic photosensitisers, such as benzo-
porphyrin derivative monoacid ring A (BPD-MA) [128], bacterio-
chlorin a [148], SIM01 [149] and hypocrellin A [129], in liposomes
as compared to the corresponding free formulation.

The improved tumour-selective uptake following Foslip admin-
istration might be explained by an increased association with LDL.
The structure of the DPPC-based liposomes lets them be quickly
disintegrated by plasma lipoproteins, which releases the mTHPC
molecules into the blood stream. Here, the photosensitiser is ass-
ociated with different plasma lipoproteins and proteins [126]. In
contrast to highly aggregated molecules, which are mostly taken
up by albumin and globulin, the still partly monomeric mTHPC
molecules might be associated with LDL to a higher degree than
if not administered via liposomes [123, 150]. The final distribution
pattern in the different tissues as well as the photosensitiser elim-
ination rate is likely to depend on the animal tumour model and
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Figure 3.8. Published mTHPC concentration following systemic admin-
istration. a) tumour, b) muscle, c) skin, d) liver, e) spleen, f) lung, g)
kidney, h) heart, i) blood. ♦: Ref. [139], �: Ref. [142], ∇: Ref. [144],
◦: Ref. [137], 4: Ref. [151], + Paper III.

the photosensitiser itself.
Conventional liposomes, such as DPPC, are rapidly phagocy-

tised and transported to organs with a rich mononuclear phago-
cyte system [126]. This process supports our observation of high
mTHPC concentration in the liver, spleen and lungs. Although
association with the phagocyte system could possibly contribute
to the good tumour selectivity due to the presence of macrophages,
phagocytes and leucocytes close to the outer boundary of the
tumour, the heavy load on the liver and spleen is an undesir-
able factor. An alternative might be to use pegylated liposomes,
also known as sterically stabilised liposomes, characterised by pro-
longed circulation times [126]. Finally, further improvements of
tumour selectivity and bioavailability might be possible by incor-
porating cholesterol in the lipid layers [126]. In other words, the
use of DPPC is by no means optimal from the pharmacokinetic
and phototherapeutic perspectives.
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Figure 3.9. The molecular
structures of a) ALA [158], b)
m-ALA [158], c) h-ALA [158] and
d) PpIX [159].

Two further observations might be of relevance when compar-
ing the pharmacokinetics of the liposomal formulation to mTHPC
in the ethanol, polyethylene glycol and water solution. First, with
the ethanol-based solvent, clinical in vivo data indicate two con-
centration peaks in blood plasma, one immediately following in-
jection and the other at ten hours [152], and second, compared
to many other substances mTHPC follows a very slow distribu-
tion process [153]. This unique biodistribution pattern, observed
in man but not in mouse, has been ascribed to either accumu-
lation in some primary compartment, such as the liver [154], or
aggregation of mTHPC in plasma [155] followed by slow release
of monomeric photosensitiser molecules. Thus, any modification
of the photosensitiser formulation that leads a more rapid biodis-
tribution is attractive as the DLI and time periods of generalised
photosensitivity could then be decreased.

The work presented in Paper III has not yet been extended
to a comparison between the PDT effects of Foslip and mTHPC
in the ethanol-based solvent. Improved PDT efficacy has been
reported for liposome-encapsulated bacteriochlorin a in a cell cul-
ture medium [148] and for BPD-MA in vivo [128] as compared
to the free photosensitiser. One might speculate that apart from
a higher photosensitiser concentration caused by association to
LDL, the improved treatment effect is caused by a different micro-
localisation within the cell [123] and a higher fraction of the photo-
sensitiser existing in its monomeric form. While albumin primar-
ily delivers the drug to the vascular stroma, lipoproteins inter-
nalise the photosensitiser in malignant cells [150]. Furthermore,
the importance of avoiding aggregation has been observed in a
cell culture medium, in which encapsulation of the hydrophobic
photosensitiser bacteriochlorin a in liposomes, thereby promoting
monomerisation, was shown to increase oxygen consumption dur-
ing PDT and decrease cell survival as compared to its partly aggre-
gated original formulation [148]. However, conflicting reports exist
on whether monomeric or aggregated mTHPC molecules possess
the greatest phototoxicity [156, 157].

In summary, systemic administration of Foslip resulted in rapid
biodistribution and improved selectivity for short DLI, which has
not been observed for mTHPC administered in the conventional
ethanol-based solvent. Whether the liposomal mTHPC formu-
lation would lead to faster pharmacokinetics, increased tumour-
selective uptake and improved PDT efficacy in man remains to be
elucidated.

3.3 Protoporphyrin IX

ALA and PpIX, whose molecular structures are shown in Fig-
ure 3.9, are endogenous substances that occur naturally as a part
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3.3 Protoporphyrin IX

PBGD

Figure 3.10. The haem biosynthetic pathway. The enzymes PBGD and
ferrochelatase are also indicated.

of the haem biosynthesis. Despite the phrase ALA-PDT, PpIX
and not ALA constitutes the actual photosensitising compound.
The haem biosynthetic pathway, outlined in Figure 3.10 and in
Ref. [84], is initiated by the production of ALA from glycine
and succinyl coenzyme A (CoA). Several enzyme-regulated con-
versions, both within the cytosol and the mitochondria, lead to
the formation of PpIX. The final step, during which iron is in-
corporated into the porphyrin molecule, is catalysed by the en-
zyme ferrochelatase, which is localised in the inner mitochondrial
membrane. Upon administration of exogenous ALA, two biologi-
cal effects promote tumour-selective PpIX accumulation; first, the
ferrochelatase activity is decreased in certain malignancies [160–
162] and second, the enzyme porphobilinogen deaminase (PBGD)
expresses an increased activity in cancer cells [162, 163]. In the
case of topical ALA administration, the damaged keratin layer of
the skin lesions further promotes tumour-selective PpIX accumu-
lation [83].

Systemic administration, such as oral intake, intravenous and
intraperitoneal injection, leads to peak PpIX levels in the tumour
after one to six hours but also result relatively limited tumour-to-
skin selectivity [84]. Muscle, cartilage, heart and lungs show only
very low PpIX levels [164].

Topical application of ALA has widespread clinical use, result-
ing in maximum tumour PpIX levels after four to 14 hours [83,
165]. For this time window and application route, photosensi-
tiser levels have been observed to increase with application time
in normal, remote skin, plasma, the liver, intestines and lungs in a
murine tumour model [166]. Most normal tissues do not show any
trace of PpIX after 24-48 hours irrespective of the administration
route of ALA [83, 84].

The short DLI and relatively rapid clearance of PpIX consti-
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coefficient of PpIX in water.
Adapted from Ref. [173]

tute attractive features of ALA-PDT. Another advantage is the
tumour-selective PpIX accumulation [161, 167, 168], facilitating
treatment selectivity and/or tissue diagnosis via the characteristic
fluorescence of PpIX [15, 169–171] also shown in Figure 3.11.

3.4 Improving topical PDT

As already mentioned in Section 2.3.1, topical ALA-application re-
sults in relatively poor PDT efficacy for thicker skin lesions. Two
factors partially responsible for this shortcoming can be deduced
from the PpIX extinction coefficient shown in Figure 3.12; first,
the therapeutic wavelength most often used clinically, i.e. tuned
to the absorption peak at 635 nm, is relatively short, thus lim-
iting treatment depths, and second, the extinction coefficient at
this wavelength is weaker than for many other second generation
photosensitisers. These effects limit light penetration, and thus
treatment depth, and increase the irradiation times necessary. Al-
though the matter has not been settled yet [174], another limiting
factor in achieving sufficient treatment depths with topical ALA
delivery is the hydrophilic character of the ALA molecule, restrict-
ing its diffusion through the upper skin layers [83, 87].

The lipophilicity can be increased by attaching alcohols of vary-
ing carbon chain lengths to the ALA molecule [175]; see Fig-
ure 3.9b and c. The substances thus formed have been shown
to increase PpIX production levels in cell cultures [175–178], cell
spheroids [179] and in normal mouse [166, 176, 180–182] or rat [183]
skin following topical application. In addition, the esters seem to
induce less generalised photosensitivity [166, 181–183]. The ext-
ensive use of one ALA ester, m-ALA, for PDT on human skin
malignancies was already discussed in Section 2.3.1.

The low systemic PpIX levels caused by the ALA esters and
the poor penetration through intact, in vitro skin [184] could per-
haps be explained by a tight binding to biological membranes of
these highly lipophilic substances. ALA incorporated into lipo-
somes has also been observed to induce lower PpIX concentration
in a murine subcutaneous tumour model [185] and increased reten-
tion in and decreased permeation through epidermis and dermis
in an in vitro skin model [186]. Increased treatment depths might
thus require photosensitisers or photosensitiser precursors with in-
termediate lipophilic properties [183].

Topical administration of mTHPC was reported by Gupta et
al. [187] for the treatment of Bowen’s disease and BCCs. In that
study, utilising 2% mTHPC in a gel formulation and application
times of 24 hours, the pathological tumour CR at the two-month
follow-up was only 32%. The authors suggested that the method
of topical photosensitiser application and the specific mTHPC for-
mulation used were the primary limiting factors.
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3.4 Improving topical PDT

In Papers I and II, topical administration of the liposomal
mTHPC formulation, Foslip, was investigated. For the animal skin
tumour model utilised in Paper I, low levels of generalised photo-
sensitivity, a good tumour-selective uptake and an optimal drug
application time of four hours were observed. For those tumours in
which the photosensitiser depth distribution was investigated, an
mTHPC concentration in the range of µM was observed down to
three or four millimetres. Similar photosensitiser levels have been
shown to induce pronounced PDT effects upon irradiation [137].
As a comparison, Peng et al. observed a good selectivity and
homogeneous photosensitiser distribution down to two millimetres
in human BCCs after topical application of m-ALA [188].

The four-hour DLI was used also in the clinical setting as
described in Paper II. The Foslip-mediated PDT resulted in a
preliminary CR of 35% which is comparable to the results re-
ported by Gupta et al. [187]. However, it should be noted that
the photosensitiser formulation, the DLI and light irradiation con-
ditions were by no means optimised in this study. The patients
included presented advanced and massive lesions, thus contribut-
ing to the high fraction of partial and non-responders. In this
patient group, two lesions were biopsied and the depth penetra-
tion of Foslip was studied in these samples by means of fluorescence
microscopy. The tissue samples were frozen immediately following
excision and later sliced to five µm thick slices and fixated in for-
malin. The output from a mercury arc lamp was filtered to provide
excitation light at 405 nm and fluorescence was detected above 575
nm. In contrast to the results in the animal skin tumour model,
no photosensitiser fluorescence could be detected at depths ex-
ceeding a few hundred µm. A notable difference between the two
trials was the ”spongy” and slightly more porous composition of
the lesions in the murine model. We have good reason to believe
that the slightly more intact uppermost skin layers generally ob-
served in the clinical trial efficiently hindered the photosensitiser
from diffusing very deep. The same argument could also help ex-
plain the good tumour-selective uptake observed both in animal
and human skin lesions; for lesions, the damaged and/or absent
stratum corneum caused increased Foslip penetration and accu-
mulation as compared to normal tissue. The disappointingly poor
penetration depth of Foslip for human skin malignancies might also
reflect a too pronounced lipophilicity of the delivery vehicle. As
for the lipophilic, long-chained ALA esters, the liposomes perhaps
get stuck to the upper-most tissue layers. We conclude that more
detailed studies of the liposome pharmacokinetics and its pene-
tration through skin are needed to optimise the clinical treatment
protocol for this photosensitiser formulation.
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Figure 3.13. a) Ex vivo tissue
autofluorescence and mTHPC
fluorescence from tumour tissue
four hours after systemic Foslip
administration. The fit
component corresponding to
tissue autofluorescence (auto) was
assessed as the average
fluorescence signal from the
tumours in three unsensitised
animals. The instrumentation,
photosensitiser formulation and
data analysis described in
Paper III were utilised. b) The
residual, ε, between the detected
fluorescence and the fit
components corresponding to the
autofluorescence and mTHPC
fluorescence. The influence of a
varying blood volume and/or
oxygenation is evident from the
peaks at 540 and 580 nm.

3.5 Photosensitiser fluorescence

This section provides a short introduction to the use of photosensi-
tiser fluorescence as a tool for concentration measurements, tissue
diagnosis and PDT dosimetry. In parallel with this general disc-
ussion, some of our results and conclusions on PpIX and mTHPC
fluorescence studies will be commented upon.

3.5.1 Fluorescence for concentration
measurements

Ideally, the photosensitiser fluorescence signal is proportional to
its concentration and thus constitutes a tool for minimally in-
vasive pharmacokinetic studies. In contrast to extraction meth-
ods, such as high performance liquid chromatography (HPLC),
no tissue excision is required and pharmacokinetics studies incor-
porating multiple time points can therefore be carried out in a
single animal. However, photosensitiser aggregation and spatially
heterogeneous optical properties of the tissue make interpretation
of the absolute fluorescence signal less straight-forward. Aggre-
gation of a hydrophobic photosensitiser is known to quench its
fluorescence [134, 150, 157] and variations in tissue haemoglobin
content can induce artificial peaks in the fluorescence spectrum as
shown in Figure 3.13. Ultimately, these effects tend to decrease the
overall correlation between the true photosensitiser concentration,
assessed by means of HPLC, and the absolute fluorescence signal
as shown in Figure 3.14. These plots, adapted from Paper III,
illustrate the lack of overall agreement between HPLC and fluore-
scence, either imaging (R) or point-monitoring (AmTHPC), data.
For example, the high absorbance in the liver and spleen, caused
by a high blood content, attenuates both excitation and fluorescent
light. This effect helps to explain the lower slope of the correlation
curves in Figure 3.14 for these organs as compared to those for
tumour, muscle and skin.

A more robust, albeit less sensitive, method of assessing in
vivo photosensitiser concentration was presented in Paper I. This
method, which will be further described in Section 4.6.2, is based
on measuring the tissue reflectance at a source-detector distance
for which the effective path length of the detected photons does not
depend on the scattering coefficient. The total tissue absorbance
is then resolved into absorption caused by the different tissue chro-
mophores, such as deoxy- and oxyhaemoglobin and water. Thus,
the absorption caused by an exogenous photosensitiser can be dis-
entangled from the absorbance of the bulk tissue, resulting in a
more accurate concentration estimate.

An excellent review of the subject of different correction tech-
niques for tissue fluorescence spectroscopy has been published by
Bradley and Thorniley [189]. Here, the methods are categorised
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a)

b)

Figure 3.14. Plots showing the
poor overall correlation between
HPLC and fluorescence a)
imaging as well as b)
point-monitoring data used for
quantifying the mTHPC
concentration. The figure has
been adapted from Paper III.

into techniques based on empirical results, measurements, theory
or Monte Carlo simulations. The second group includes various
fibre-optic probe designs that have been shown to decrease the in-
fluence of tissue absorption and/or scattering on the absolute fluo-
rescence level [190, 191]. By utilising small source-detector separa-
tions, or even a single small-diameter fibre for both excitation light
delivery and fluorescence detection, the number of elastic scatt-
ering events experienced by the detected fluorescence photons is
limited, thus rendering the fluorescence signal less sensitive to vari-
ations in tissue absorbance. The theory-based techniques include
methods based on forming a ratio between the fluorescence signals
at two wavelengths that are equally attenuated by haemoglobin.
Either a single [192] or a double [193] ratio technique can be used.
For the latter method, the double ratio is formed between the
ratios of the same two fluorescence spectral bands following exci-
tation at two different wavelengths. Furthermore, methods based
on photon migration theory have been utilised for modeling fluo-
rescence propagation [194]. By combining fluorescence and white-
light reflectance data, Müller et al. have proposed a closed form
expression relating the measured to the intrinsic, i.e. the undis-
torted, fluorescence spectrum [195]. Also combining fluorescence
and reflectance data, Foster et al. have utilised both light prop-
agation theory, based on the P3-approximation [196], and Monte
Carlo simulations to assess the intrinsic fluorescence signal [197].
In their work, either the optical properties of the tissue could be
extracted from the reflectance signal and then used to assess the
intrinsic fluorescence or both the optical properties and the in-
trinsic fluorescence could be extracted directly from the detected
fluorescence signal.

3.5.2 Fluorescence for tissue diagnosis

A fluorescence investigation aims at providing a minimally invasive
optical biopsy tool. When utilising exogenous tumour-markers for
lesion delineation one relies on their tumour-selective uptake as
well as on the possibility to easily discriminate their fluorescence
signal from the tissue autofluorescence. Fluorescence imaging of
PpIX distribution has been used for surface visualisation of epithe-
lial lesions, for example in the skin [199, 200], the mucosa of the
cervix [201] and the bladder [202]. Furthermore, PpIX fluorescence
imaging has been used as a valuable tool for fluorescence-guided
resection of malignant brain tumours [80].

However, tissue diagnosis can also rely on differences in tissue
autofluorescence between normal and malignant tissue. The pro-
longed photosensitivity associated with systemic administration
of some photosensitisers can thereby be avoided. When utilising
tissue autofluorescence, discrimination between normal and ma-
lignant tissue is based on variations in elastin, collagen, carotene,
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Figure 3.15. Fluorescence at a)
470 and b) 635 nm following
excitation at 365 nm. The lesion
is not easily resolved in any of the
images and the non-uniform
irradiance of the excitation light is
evident by the bright vertical
stripe to the left. c) The ratio
between the two fluorescence
wavelengths shows improved
lesion demarcation. All images
have been scaled to their
maximum respective pixel value
and thus share the same colorbar.
The instrument described in
Ref. [198] was used for data
acquisition. m-ALA was applied
four hours prior to the
fluorescence investigation of this
BCC.

tryptophan, reduced nicotinamide adenine dinucleotide (NADH)
and flavin adenine dinucleotide (FAD) content [203–205]. Further-
more, tumours sometimes display an increased blood flow which
tends to reduce the overall light penetration within the tissue.
These differences between malignant and normal tissue obviously
also affect the detected fluorescence spectrum of the photosensi-
tiser as discussed in the previous section and makes interpretation
of the raw fluorescence signal less intuitive.

The instrumentation used for fluorescence investigations in-
cludes point-monitoring as well as imaging setups [206, 207], and
excitation and detection can be performed both in continuous-
wave (CW) [203, 208, 209], time-resolved (TR) [203, 208–210]
and frequency-resolved (FR) [211] mode. Although the surface
excitation-detection geometry is of greater value for diagnostic
purposes, a point-monitoring setup can more easily provide de-
tailed spectral information. Such information can then be used to
guide the choice of spectral detection bands for the imaging setup.
By imaging the fluorescence within several wavelength bands, also
referred to as multi-spectral imaging, a contrast function can be
constructed [207]. Such a contrast function should exhibit good
sensitivity and specificity in discriminating cancerous from normal
tissue. Furthermore, when utilising a simple ratio between two
fluorescence wavelengths a dimensionless quantity is formed which
is less sensitive to variations in light source output, angle of inci-
dence of the excitation light and detection system efficiency. Fig-
ure 3.15 gives an example of improved lesion demarcation and
suppression of non-uniform irradiance effects by forming a ratio
between the fluorescence emission at 635 and 470 nm.

In Paper II in vivo mTHPC fluorescence measurements, both
in point-monitoring and imaging mode, were performed. The
point-monitoring system relied on pulsed irradiation and detection
and thus measurements could be performed without interference
from the room lighting. Furthermore, the point-monitoring instru-
ment was more sensitive than the imaging setup, partly due to the
poor transmission of the liquid crystal tunable filter (LCTF) used
in the imaging instrument. In that work, however, the analysis
of the point-monitoring data did not take advantage of the entire
fluorescence spectrum as only three wavelength bands were utilised
for constructing the contrast function. A better approach is off-
ered by the singular value decomposition (SVD) scheme [212, 213],
for example, as used in Paper III. This scheme provides the poss-
ibility to resolve individual tissue fluorophores and PDT-induced
photoproducts. For the imaging setup, its primary advantage is its
ability to monitor large surface areas, providing information on the
tumour extension and/or the spatial distribution of the photosen-
sitiser. From the data presented in Paper II it was also observed
that fluorescence images acquired following excitation at 405 nm
were notably less blurred than those obtained for 652 nm excita-
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tion. This we attributed to the higher tissue attenuation and thus
more shallow probing depth of the shorter wavelength; see further
Section 4.5.

3.5.3 Fluorescence for PDT dosimetry

The concept of PDT-induced photosensitiser photobleaching was
already introduced in Section 3.1.1. The main idea behind utilising
the amount of photosensitiser photobleaching as a tool for PDT
dosimetry is that this process is believed to be partly caused by the
same substances that induce damage to the target tissue [214–216].
Thus, a PDT treatment performed under stable oxygen supply
leads to pronounced tissue damage as well as efficient photosen-
sitiser photobleaching. A good correlation has been observed be-
tween the PDT treatment efficacy and the amount of photobleach-
ing, as quantified by the treatment-induced decrease of the photo-
sensitiser fluorescence level [217–219]. Photosensitiser bleaching as
a measure of the PDT dose will be further discussed in Section 5.3.
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Figure 4.1. Light incident on an
air-tissue interface might be either
reflected or transmitted into the
medium. Reflection, α, and
transmission, γ, angles are related
by Snell’s law. Photons inside the
tissue experience scattering and
absorption events. The latter
might induced heat, fluorescence
and photodynamic processes.

Chapter 4

Light propagation

Photons interact with biological tissue primarily via two processes;
scattering (elastic or inelastic) and absorption. In this thesis, the
term scattering will refer only to the elastic scattering component
as it is several orders of magnitude stronger than the inelastic part.
Figure 4.1 is an illustration of the events following light incident on
a tissue surface. Scattering arises due to refractive index variations
within the medium, caused for example by cell nuclei, mitochon-
dria and other organelles. Absorption induces heat, photodynamic
processes and fluorescence. Any absorbing structure, either the en-
tire or only part of a molecule, is referred to as a chromophore.

In Section 4.1 the radiative transport equation (RTE) is in-
troduced as a tool for describing light propagation in scattering
and absorbing media. A summary of the derivation of the diff-
usion approximation from the RTE is provided in Section 4.2.
Sections 4.3 and 4.4 and describe the Beer-Lambert law and the
use of statistical methods such as Monte Carlo simulations or
non-sequential ray-tracing, respectively. The origins of tissue ab-
sorption and scattering are presented in Section 4.5. Finally, in
Section 4.6 different methods to asses in vivo optical properties
are discussed. Here, emphasis is on continuous-wave (CW) tech-
niques. Somewhat arbitrarily, this presentation distinguishes be-
tween techniques that rely on multiple source-detector distances
combined with the diffusion approximation model, as used in
Papers VI and VIII, and techniques that utilise a single source-
detector configuration, as presented in Paper I.

4.1 The radiative transport equation

Transport theory forms the basis for the description of light propa-
gation in scattering media. Most often the phase and polarisation
of the electromagnetic radiation are ignored. Thus, the radiative
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Figure 4.2. The light propagation
events according to radiative
transport theory are illustrated in
the order they appear on the right
hand side of Equation (4.1). All
terms relate to the direction given
by the unit vector s.

transport equation (RTE) is given by;

1
c

∂L(r, s, t)
∂t

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

µs

∫
4π

p(s, s′)L(r, s′, t)dω′ + q(r, s, t) (4.1)

.
Here, L(r, s, t) (Wcm−2sr−1) denotes the radiance of light at

position r travelling in the direction s, c (cms−1) is the speed of
light in the medium, dω is the differential solid angle and q(r, s, t)
represents the source. µa and µs (cm−1) are the absorption and
scattering coefficients, respectively. Furthermore, p(s, s′) is the
scattering phase function determining the probability of scatter-
ing from a direction s′ into s. The RTE essentially describes con-
servation of the radiance in a certain direction s within a volume
element dV as illustrated in Figure 4.2. The terms on the right
hand side reflect losses due to photons escaping over the volume
boundaries, photons being scattered away from direction s and
photons being absorbed, as well as gains due to photons being
scattered from direction s′ into s and possible sources within dV .

The scattering phase function describes the probability distri-
bution of the scattering angle and is most often assumed to depend
only on the deflection angle Θ between s′ and s and not on the
azimuthal angle Ψ; see Figure 4.3a. For example, the scattering
phase function associated with an isolated microscopic sphere be-
comes increasingly forward directed the larger the diameter of the
sphere but also displays smaller lobes in other directions due to
interference effects. These phenomena can be described by Mie
theory. In tissue, the situation is much more complex due to the
high particle density and polydispersity. An approximation ex-
tensively used for p(s, s′) is given by the Henyey-Greenstein phase
function in Equation (4.2).

pHG(s, s′) = p(s · s′) = p(cos Θ) =
(1− g2)

4π(1 + g2 − 2g cos Θ)
(4.2)

Here g = 〈cos Θ〉 and is referred to as the scattering anisotropy fac-
tor. This coefficient reflects the asymmetry of scattering events,
where -1, 0 and 1 correspond to backward, isotropic and forward
scattering, respectively. Figure 4.3b illustrates pHG(s, s′) for diff-
erent g-values.

No analytical solution exists for the RTE for arbitrary three-
dimensional geometries, i.e. without symmetries to reduce the
dimensionality of the problem, and unlimited range of optical
properties. Instead, numerical methods combined with discreti-
sation of the radiance can be employed. The discrete ordinates
method [220], Kubelka-Munk [221] and adding-doubling [222] con-
stitute three such approaches of varying complexity. In addition,
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into s. b) The Henyey-Greenstein
phase function for different values
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Monte Carlo simulations of photon trajectories and non-sequential
ray-tracing constitute statistical methods that can be used for ar-
bitrary geometries. Another approach is to simplify the problem
by introducing various approximations. Perhaps the most common
method is the diffusion approximation which will be presented in
the following section. More details on the RTE and the derivation
of the diffusion equation can be found in Refs. [223, 224].

4.2 The diffusion approximation

The diffusion approximation relies on an expansion of the quanti-
ties in Equation (4.1) in terms of spherical harmonics. For exam-
ple, the radiance is expressed as;

L(r, s, t) =
∞∑

l=0

l∑
m=−l

√
2l + 1

4π
Ψlm(r, t)Ylm(s) (4.3)

The P1-approximation is based on retaining only the terms
corresponding to l = 0, 1. The radiance can thus be expressed
in terms of the fluence rate, Φ(r), and the radiant flux, F(r), as
shown in Equation (4.4).

L(r, s, t) =
1
4π

Φ(r, t) +
3
4π

F(r, t) · s (4.4)

The fluence rate is defined as the power incident on an infinitesi-
mal sphere divided by the cross-sectional area of that sphere; see
Equation (4.5). The radiant flux describes the power transferred
per unit area and is given in Equation (4.6).

Φ(r, t) =
∫

4π

L(r, s, t)dω (4.5)

F(r, t) =
∫

4π

L(r, s, t)sdω (4.6)

The time-dependent diffusion equation, Equation (4.7), results
from assuming an isotropic light source and a time-invariant radi-
ant flux are assumed [224].

1
c

∂Φ(r, t)
∂t

−∇ · (D(r)∇Φ(r, t)) + µaΦ(r, t) = S0(r, t) (4.7)

The validity of Equation (4.7) is restricted to situations in which
the reduced scattering by far exceeds the absorption coefficient and
to regions far from any light sources. The diffusion coefficient is
given by Equation (4.8).

D =
1

3(αµa + µ′s)
(4.8)
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Here, the reduced scattering coefficient is given by µ′s = (1− g)µs.
This definition can be interpreted as equating 1/(1−g) anisotropic
scattering events with one fully isotropic event. For the time-
invariant flux; α=1. If one instead assumes a flux vector that
decays exponentially with time, the diffusion coefficient becomes
independent of µa, i.e. α=0 [225]. Improved accuracy and ex-
tended range of validity for Equation (4.7) have been reported by
setting 0 ≤ α < 1 [225–227] or even letting α depend on both µa

and µs [228, 229]. In Papers IV, V, VI, VII and VIII, α was set
to unity.

An analytical Green’s solution to Equation (4.7) exists, for ex-
ample, for the case of an isotropic point source within an infinitely
large and homogeneous medium; see Equation (4.9).

Φ(r, t) =
c

4πDct
exp(−µact) exp(− r2

4Dct
) (4.9)

The corresponding solution to the time-independent diffusion
equation is given by Equation (4.10). Here, µeff = [3µa(µa +
µ′s)]

1/2.

Φ(r) =
1

4πDr
exp(−µeffr) (4.10)

Equations (4.9) and (4.10) are very often used to predict the light
distribution from an interstitial optical fibre and they can also
aid in formulating an analytical expression approximately describ-
ing the fluence rate distribution within a semi-infinite medium of
either an isotropic point-source or a pencil beam incident on the
air-tissue interface; see Sections 4.2.1 and 4.2.2. Analytical exp-
ressions for Φ(r) have also been obtained for geometries including
layered structures [230–232], embedded spheres [233] and parallel-
epipeds [234].

For more complex geometries one often has to rely on numer-
ical methods, such as the finite element method (FEM) [235]. In
the FEM, the entire geometry is divided into smaller subelements
in which the fluence rate is assumed to vary according to a low
order degree polynomial [236]. In Papers IV, V, VI, VII and
VIII Comsol’s1 software packages (FEMLabr or Multiphysicsr)
have been extensively used. The ”Near Infrared Frequency Do-
main Optical Absorption and Scatter Tomography” (NIRFAST)2

platform is an alternative software package based on FEM sim-
ulations for solving the forward light propagation as well as the
inverse problem of image reconstruction [237, 238].

4.2.1 Boundary conditions

The exact boundary condition at the interface between a non-
scattering and a scattering medium cannot be implemented in the

1The reader is referred to http://www.comsol.com
2See further http://newton.ex.ac.uk/research/biomedical/hd/NIRFAST.html

36



Light propagation

air

tissue

z0

-z0 -

+

z

air

tissue

z0

-z0 +

+

z

air

tissue

z0

-zb

-(2zb+z0) -

+

z

a) b) c)

-2
-ls

z‘
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diffusion approximation regime [230, 239]. In this section three
approximate boundary conditions will be discussed with respect
to the diffusion equation and an isotropic point source at a depth
z0 within the scattering medium.

A mathematically simple approximation is the zero boundary
condition (ZBC) in which the fluence rate is set to zero at the
physical boundary [240, 241]. This can be realised by introducing
an imaginary negative point source above the physical surface as
illustrated in Figure 4.4a. The ZBC is clearly unphysical but can
be used when restricting the analysis to regions far away for any
sources or boundaries.

Instead, it is often assumed that at the boundary the total diff-
use flux directed into the medium equals the part of the outward
propagating flux as prescribed by the Fresnel coefficients [242].
Refractive index matching thus predicts zero photon current back
into the scattering medium whereas index mismatching introduces
considerable internal reflection at the surface. The boundary con-
dition, Equation (4.11), resulting when taking into account Fresnel
reflection is referred to as the partial-current boundary condition
(PCBC) [242];

Φ(r)− 2AD n̂ · ∇Φ(r) = 0 (4.11)

The internal reflection parameter, A, can be derived from an
approximation of the Fresnel reflection coefficient for unpolarised
light [242, 243] and an empirically obtained expression has also
been used to relate A to the refractive index ratio between the
scattering and non-scattering media nrel [244, 245]; see Equa-
tion (4.12). Either approach yields A=1 for index matching.

A =
1 + rd

1− rd
(4.12)
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multiple source representation of
a pencil beam incident on an
air-tissue interface.

Here, rd = −1.440n−2
rel +0.710n−1

rel +0.668+0.0636nrel. For the case
of an isotropic point source at depth z0 the PCBC can be fulfilled
by introducing imaginary sources as illustrated in Figure 4.4b.
Here, the negative source stretches from z=−z0 to z=−∞ and is
attenuated according to exp(−z′/ls) where ls = 2AD [243].

A mathematically simpler boundary condition is the
extrapolated-boundary condition (EBC) [243, 244]. Here, the flu-
ence rate is forced to zero at an imaginary boundary a distance
zb above the physical boundary. For an isotropic point source at
a depth z0 this is accomplished by introducing a negative image
source at z = −(2zb + z0) as shown in Figure 4.4c. The extrapo-
lation distance is given by Equation (4.13) [243, 244].

zb = 2AD (4.13)

The fluence rate distributions with the PCBC and the EBC have
been compared to each other, resulting in only minor or non-
significant differences [243, 244, 246]. One reason might be that
the source configurations used for the two boundary conditions
share the same dipole and quadrupole moments.

The EBC was utilised when modeling the diffuse light distribu-
tion for Papers IV, V and VI. In Paper VIII, Equation (4.11) was
implemented directly to solve for Φ(r) by the FEM and the internal
reflection parameter, A, was calculated from Equation (4.12).

4.2.2 Source representation

The simplicity of the closed form expression for the fluence rate
from an isotropic point source within an infinite, homogeneous
medium, Equation (4.10), makes representation of any light source
by one or a distribution of isotropic pointsources attractive.

A commonly employed measurement geometry, especially for
non-invasive in vivo applications, involves a collimated laser
beam normally incident on the tissue surface. This pencil beam
can be approximated by an isotropic point source at a depth
z0=1/µ′s [244]. Alternatively, the source term can be described
as a distribution of isotropic point-sources with strengths pro-
portional to exp[−z(µa + µ′s)]. Both situations are illustrated in
Figure 4.5 [245]. According to the EBC, negative mirror sources
need to be introduced at the same distance above the extrapolated
boundary in order to incorporate the correct boundary condition.
Thus, for the single source representation the Green’s solution for
the fluence rate at depth z and radial position ρ is given by;

Φ(ρ, z) =
1

4πD

[exp(−µeffr1)
r1

− exp(−µeffr2)
r2

]
(4.14)

where r1 =
√

(z − z0)2 + ρ2 and r2 =
√

(z + 2zb + z0)2 + ρ2.
Along the same lines, the interstitially positioned, cut-end opti-

cal fibres used in Papers IV, V, VI, VII and VIII were modelled
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as isotropic point sources located a distance 1/µ′s in front of the
actual fibre tips.

4.3 The Beer-Lambert law

The Beer-Lambert law as stated in Equation (4.15) can be derived
from the discretised RTE when including only the forward angular
component of the radiance.

I = I0 exp [−(µa + µ′s)L] (4.15)

Here, L is the path length and I0 and I are the incident and
detected intensities, respectively. The Beer-Lambert law is illus-
trated in Figure 4.6 for an absorbing but non-scattering medium.
For a scattering medium, the parameter L in Equation (4.15) gene-
rally exceeds the physical distance between source and detector.
Hence, one often introduces a differential path length factor (DPF)
which relates the source-detector distance r to the (usually un-
known) average path length 〈L〉 of the detected photons;

〈L〉 = r DPF (4.16)

DPF>1 due to light scattering in the tissue and it also depends on
the specific geometry as well as on µa, µs and p(s, s′) [247, 248].
However, a measurement configuration for which the dependence
on the scattering coefficient is minimised will be discussed in Sec-
tion 4.6.2.

4.4 Statistical methods

The Monte Carlo method is a statistical method by which the tra-
jectories of individual photons or photon packages are determined
in a random fashion. Uniformly distributed random numbers, ζ,
are transformed via appropriate distribution functions to attain
certain probability density functions, p(ζ). Thus, the step size s of
a photon is given by s = −ln(ζ)/(µa+µs), the deflection angle Θ is
determined from the Henyey-Greenstein distribution and the azi-
muthal angle Ψ is uniformly distributed in the interval [0, 2π[. In
contrast to the diffusion approximation, the light distribution can
be accurately modelled close to boundaries and sources and any
range of optical properties can be used. In 1989 the general princi-
ples for Monte Carlo simulations of light propagation in scattering
media were published [249]. With the computer program ”Monte
Carlo simulation for multilayered tissues” (MCML)3 [250], made
available in 1995, parameters such as the fluence rate distribution,
time-of-flight, absorption, reflection and transmission can be ob-
tained within a specified layered geometry for some set of µa, µs

3http://omlc.ogi.edu/software/mc/index.html#MCML
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Figure 4.7. a) Extinction spectra
of deoxy- and
oxyhaemoglobin [256]. b)
Absorption spectra of pure
lipid [258, 259] and water [257].

and g. Monte Carlo simulations are used extensively as a gold
standard for light propagation calculations. More recent imple-
mentations include arbitrary geometries [251] and time-resolved
fluorescence Monte Carlo simulations [252, 253]. The main draw-
backs of the Monte Carlo method are the long simulation times
required, especially for large geometries and high absorption and
scattering levels, and the lack of an analytical expression for the
simulated parameter.

In Paper I we used non-sequential ray-tracing offered by the
software ”Advanced Systems Analysis Program” (ASAPr) devel-
oped by Breault Research4. This method of non-sequential ray-
tracing has the advantage over conventional ray-tracing that it
also handles scattering within bulk media, and over MCML that
arbitrary three-dimensional geometries are easily implemented.

4.5 In vivo optical properties

In this section some common tissue absorbers and scatterers will
be presented. The reader is referred to Refs. [254, 255] for compiled
data on in vivo optical properties of tissue.

4.5.1 Tissue chromophores

The total absorption coefficient is given by Equation (4.17) where
the summation includes any chromophore that contributes to the
overall absorption.

µa(λ) = ln(10)
∑

i

εi(λ)[xi] (4.17)

Here, ε (cm−1M−1) denotes the extinction coefficient, which is
wavelength dependent, and [xi] (M) is the chromophore concen-
tration. The factor ln(10) is included depending on whether the
absorption and extinction coefficients are defined using the natural
logarithm or log10. Figure 4.7 illustrates the extinction coefficients
(using log10) of deoxy- (Hb) and oxyhaemoglobin (HbO2) [256] and
the absorption spectra (using the natural logarithm) of pure wa-
ter [257] and pig fat [258, 259]. Due to the lower overall absorption
between 650 and 1000 nm this spectral region is often denoted the
”optical window”. Red and NIR wavelengths can thus be used to
probe deeper lying tissue volumes.

Besides the chromophores presented in Figure 4.7, other ab-
sorbing tissue constituents include melanin, myoglobin and differ-
ent cytochromes. Melanin is a dark pigment consisting of different
polymers and can be found in human skin and hair. Although
the compound is present only within a thin layer its high absorp-
tion [260] severely limits light penetration in dark-skinned people

4The reader is referred to http://www.breault.com
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as well as in malignant melanomas. Myoglobin transports and
stores oxygen but in contrast to haemoglobin it is present only
in muscle tissue. Here, its concentration often exceeds that of
haemoglobin [261] and thus absorption by myoglobin constitutes
a significant fraction of the overall absorption. For red and NIR
wavelengths the extinction spectra of myoglobin and haemoglobin
are almost identical and thus it is virtually impossible to distin-
guish between the two chromophores [262]. Cytochromes are pro-
teins found in the membranes of mitochondria and the endoplas-
mic reticulum of most cells. The spectral shape of the different
cytochromes differ slightly but they typically display maximum
absorption between 500 and 620 nm, which gradually decreases
at longer wavelengths [263]. For UV wavelengths DNA and cer-
tain amino acids add to the already strong absorption by water,
haemoglobin, myoglobin and cytochrome c [223].

With the aid of Equation (4.17) and appropriate data analy-
sis, the total wavelength-dependent absorption coefficient can be
resolved into components corresponding to each specific absorber.
In principle, measurements at only i wavelengths are required to
determine the concentration of i chromophores. Equation (4.18)
exemplifies the situation for i=2 and the wavelengths employed in
Paper IV.[

µa(760 nm)
µa(800 nm)

]
=

[
εHb(760 nm) εHbO2(760 nm)
εHb(800 nm) εHbO2(800 nm)

] [
[Hb]

[HbO2]

]
(4.18)

However, by including a larger number of wavelengths, thus re-
sulting in an over-determined system of equations, the data anal-
ysis becomes more robust. In Paper V, the data analysis was
expanded to include all data points, for that particular spectrome-
ter the number of data points being 200, within the spectral range
760 to 810 nm to obtain the least squares solution for ∆[Hb] and
∆[HbO2]. The simple method of matrix inversion did not work for
the spectrally overlapping fit components used in Paper I despite
relying on a broad fit interval. Instead, an SVD algorithm was
utilised to solve for individual chromophore concentrations from
the overall absorption coefficient. In general, the SVD algorithm is
useful for singular, or numerically close to singular, problems [212]
and has been successfully used for assessing the concentration of
absorbing [264] and fluorescing [213] substances from experimental
data.

The accuracy of these methods also depends on fitting the corr-
ect extinction spectra. As for a fluorescence spectrum, ε might dis-
play spectral shifts, broadening and attenuation of some absorp-
tion bands depending on the chemical environment. For example,
we introduced a wavelength shift, empirically determined to +2
nm, of the mTHPC extinction coefficient when analysing mTHPC
levels in biological tissue as compared to in liquid phantoms con-
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4.5.2 Tissue scattering

Table 4.1: The refractive index for some selected human tis-
sues [223, 265].

Tissue n

Stratum corneum 1.55
Muscle 1.37-1.410
Liver 1.368-1.38
Fat 1.44-1.46
Cytoplasm 1.350-1.367
Blood 1.400

taining water, TiO2 and polyethylene glycol.
Beside chromophore concentrations, physiological parameters,

such as the total blood content, Equation (4.19), and the level
of oxygen saturation in the tissue, Equation (4.20), can also be
assessed [110, 266].

[Hbtot] = [HbO2] + [Hb] (4.19)

SO2 =
[HbO2]

[HbO2] + [Hb]
· 100% (4.20)

4.5.2 Tissue scattering

Cell components such as the cell nuclei, mitochondria, lysosomes,
membranes within the endoplasmic reticulum and the Golgi appa-
ratus introduce refractive index changes and thus cause scattering,
refraction and reflection. Furthermore, red blood cells, melani-
nosomes and the fibrous structure of collagen and elastin also con-
stitute important scatterers. The volume-averaged refractive in-
dex, n, for most tissues and biofluids is in the range 1.335 to 1.65
for visible wavelengths [223]. A few selected values are listed in
Table 4.1.

The phase function, and hence the g-factor, is influenced by the
microscopic properties, such as the size and shape, of the scatt-
ering structure. The anisotropy factor is in the range 0.4-0.99 in
biological tissue, reflecting its forward scattering character [223].
As a rule of thumb, the smaller the scatterer the more isotropic
the phase function. For example, in the Rayleigh limit, i.e. scatt-
ering particles being very much smaller than the wavelength, the
volume-averaged scattering is totally isotropic. However, due the
size distribution of scattering centres in biological tissues (∼100
Å to ∼10 µm) scattering of visible light cannot be appropriately
described by Rayleigh scattering.

Mie, or Lorenz-Mie, theory can be used to predict scattering
from homogeneous, dielectric and arbitrary-sized spheres following
incidence of a plane electromagnetic wave. According to this the-
ory, both µs and p(s, s′) exhibit oscillations as a function of deflec-
tion angle and wavelength. For polydisperse ensembles of particles,
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Figure 4.8. The reduced
scattering coefficient of
Intralipid-10% assessed by the
instrument described in Ref. [110]
(�). As a comparison, µ′s as
predicted by Rayleigh theory
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theory and the fit proposed by
Mourant et al. [267], i.e.
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such as biological tissue, these oscillations are damped out [267].
With increasing average particle size, the wavelength dependence
of the reduced scattering coefficient changes from λ−4, i.e. the
Rayleigh limit, to λ−0.37 [268]. Although scattering centra are typ-
ically non-spherical, Mie theory has been successfully employed to
predict the principal spectral characteristics of the reduced scatt-
ering coefficient and to assess the average size of scattering com-
ponents related to the parameter b in Equation (4.21) [268, 269].

µ′s = aλ−b (4.21)

Values for b have been published, e.g for the human arm
(1.11) [266] and ex vivo rat liver tissue (0.87) [269]. The data anal-
ysis of Papers IV and V utilised the former value. Also, Intralipid-
10%, a fat emulsion extensively used in our laboratory as the
scattering component in liquid tissue phantoms, is characterised
by µs ∝ λ−2.4 [270]. In Figure 4.8, experimental data, assessed by
means of time-resolved spectroscopy [110], on the reduced scatt-
ering coefficient of this substance is compared to Rayleigh theory,
large-sized particle Mie scattering [268] and the λ−2-behaviour pro-
posed in Ref. [267].

4.6 Assessing optical properties

The need to assess the optical properties of tissue arises from att-
empts to solve either the forward problem of predicting the diffuse
light distribution or the inverse problem of finding the concen-
tration of various endogenous chromophores, such as deoxy- and
oxyhaemoglobin, or exogenous chromophores, for example photo-
sensitiser, from some set of measurement data. All parameters
mentioned are of importance to PDT dosimetry as will be dis-
cussed in Chapter 5.

The methods presented in this section can be referred to as
two-parameter techniques as they provide only µ′s and µa but can-
not resolve µ′s into µs and g. In order to probe deeper than the
very superficial tissue structures one often relies on wavelengths
within the ”optical window” as discussed in Section 4.5.1. In this
spectral region, where the scattering dominates absorption, the
light distribution is fairly diffuse and thus many techniques have
made use of the diffusion approximation for predicting the optical
properties of tissue.

In this section some time- and spatially-resolved techniques
for assessing optical properties of tissue will be presented. These
techniques can employ multiple wavelengths and thus all para-
meters in this section may be wavelength-dependent although this
is not explicitly indicated. Other methods, such as photother-
mal techniques [271], elastic scattering spectroscopy [272], opti-
cal coherence tomography (OCT) [273], diffuse optical tomogra-
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phy (DOT) [274] and techniques applicable only to ex vivo sam-
ples [275] will not be discussed.

4.6.1 Time- and frequency-resolved techniques

The principle behind time-resolved (TR) spectroscopy as illus-
trated in Figure 4.9 is that a short light pulse is attenuated and
temporally broadened after propagating through an absorbing and
scattering medium. Utilising Equation (4.9) both the absorption
and reduced scattering coefficient can be determined from the tem-
poral shape of the fluence rate (with extensions to transmission
and reflectance signals) and thus no absolute measurements are
required. More details on experimental techniques and data anal-
ysis can be found in Refs. [110, 276, 277].

Frequency-resolved (FR) spectroscopy relies on a sinusoidally
modulated light source with modulation frequencies typically in
the range ∼100 MHz to ∼1 GHz [278–280]. After propagating
through tissue, the detected signal displays a phase-shift, θ, and
a demodulation, M = (ACd/DCd) (ACs/DCs)−1, relative to the
source or some other reference signal as illustrated in Figure 4.10.
These two parameters are related to the absorption and reduced
scattering coefficient of the tissue. Compared to TR spectroscopy,
FR techniques often rely on simpler and cheaper equipment.

4.6.2 Continuous-wave techniques

The CW techniques that have been utilised in this thesis are
based on either spatially-resolved (SR) spectroscopy of the diffuse
light distribution, combining multiple source-detector distances
and diffusion theory, or a single source-detector distance for which
the Beer-Lambert law can be used to assess the absorption coeff-
icient. These two approaches will be discussed in the following
sections. The incorporation of a broadbanded light source and
a spectrometer on the detection side is more straightforward and
cheaper than for TR-instruments and has the potential to improve
robustness of data analysis algorithms.

Multiple source-detector pairs

SR techniques rely on monitoring the fluence rate, the reflectance
or the transmittance at several detector positions; see Figure 4.11,
and fitting data to the appropriate expression in order to assess
the absorption and reduced scattering coefficients.

For the case of isotropic, interstitial light delivery and colle-
ction, Equation (4.10) can be utilised to solve for these para-
meters. The effective attenuation coefficient is related to the decay
rate of the fluence rate at large source-detector distances, r, via
r Φ(r) ∝ exp(−µeff r). The diffuse fluence rate is plotted as a func-
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Figure 4.11. SR spectroscopy is
illustrated for the reflectance
geometry.
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Figure 4.12. a) Φ(r) due to an
interstitial isotropic point source.
b) R(r) due to an incident pencil
beam. µeff=3.57 cm−1 for all
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and (µa, µ′s)=(0.2,21) (dashed).
Refractive index matching and the
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tion of source-detector distance in Figure 4.12a for two sets of µa

and µ′s that yield the same µeff . From this example it is clear that
in order to separately assess the absorption and reduced scatter-
ing coefficients one needs to either include small source-detector
distances, for which the validity of the diffusion approximation is
debatable, or perform absolute measurements, thereby relying on
accurate calibration of the detection unit.

For the case of non-invasive measurements, one often relies on
the reflected light. The reflectance has been described in terms
of either the flux at the boundary, Equation (4.22) [281], or as a
combination of the flux and the fluence rate, Equation (4.23) [282].

Rf (ρ) = −D∇Φ(ρ, z) · (−z)|z=0 (4.22)

R(ρ) =
∫

2π

dΩ(1−Rfres(Θ))
1
4π

[
Φ(ρ, z = 0) +

3D
∂Φ(ρ, z = 0)

∂z
cos Θ

]
cos Θ =

C1Φ(ρ, z = 0) + C2Rf (ρ) (4.23)

Here, the Ci are related to the refractive indices of the tissue
and detection fibre as well as to the numerical aperture (NA) of
the optical fibre used. Utilising the EBC and Φ(ρ, z) according to
Equation (4.14), the resulting Rf is given by Equation (4.24).

Rf (ρ) =
1

4πµ′t

[(
µeff +

1
r1

)exp(−µeffr1)
r2
1

+( 1
µ′t

+ 2zb

)(
µeff +

1
r2

)exp(−µeffr2)
r2
2

]
(4.24)

Here µ′t = µa + µ′s and the remaining variables have been defined
previously. The reflectance according to Equation (4.23) is exem-
plified in Figure 4.12b. As for the fluence rate, it is necessary to
include either small source-detector distances or absolute measure-
ments to separately assess µa and µ′s. Alternatively, it is possible
to add another independent measurement, such as the total diff-
use reflectance [283], to discriminate between µeff -isovalues with
different absorption and scattering levels.

The SR technique typically predicts the absorption and re-
duced scattering coefficients of homogeneous tissue phantoms with
an accuracy limited to ±10% [244, 264, 283, 284]. However, re-
ports also exist on poor results when relying on diffusion theory for
assessing the optical properties from the reflectance or transmitt-
ance [285, 286]. The contradictory conclusions probably reflect
the importance of implementing the correct boundary conditions
and restricting the measurement geometry to a situation where
diffusion theory constitutes a valid approximation.
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Figure 4.13. a) The negative
logarithm of the in vivo
transmission signal multiplied by
the source-detector distance, r, as
a function of r. Transmission
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The interstitial approach, based on monitoring the absolute
fluence rate via calibrated isotropic detectors, has been employed
in canine [287, 288] and human [289, 290] prostate tissue. For
the instruments developed for IPDT in massive skin tumours,
Papers IV, V and VI, and in prostate tissue, Paper VIII, the light
transmitted between the optical fibres used for therapeutic light
delivery is utilised to assess the effective attenuation coefficient as
well as any changes thereof induced by the treatment. In the clin-
ical setting, the source-detector distances are relatively large and
we also do not attempt to detect the absolute fluence rate with
the cut-end fibres. The realtime monitoring of light transmission
levels implemented by our IPDT instruments is therefore not ca-
pable of separating µa from µ′s. Instead, we aim at evaluating the
effective attenuation coefficient from the decay rate of the fluence
rate at large r, i.e. from the slope of the expression

− ln(r Φ(r)) = C − µeffr (4.25)

Figure 4.13 illustrates some data points together with the evalu-
ated µeff as a function of the treatment time for one of the patients
treated with the six-fibre IPDT instrument described in Paper IV.

In connection with the discussion of interstitial light trans-
mission measurements it is worthwhile to comment on which para-
meter is actually being detected by an anisotropic detector, such
as a cut-end optical fibre. The collection efficiency of such a
fibre has been shown to depend on the optical properties of the
tissue [291, 292]. Considering the measurement configuration in
Figure 4.14, the detected signal T (r) equals the radiance integrated
over the fibre surface area Sf and the acceptance angle Ωf . As for
the surface reflectance in Equation (4.23), T (r) contains both a flu-
ence rate and a flux term [243, 292]; T (r) = C1Φ(r)+C2 D∇Φ(r)·z.
In the case of no vertical offset and large distance between source
and detector fibres one can assume that ∂Φ/∂z = 0. Thus, the de-
tected light transmission, T (r), is proportional to the fluence rate
at the fibre tip and the parameter T (r) replaces Φ(r) in Equa-
tion (4.25) [254]. This approximation was employed for the data
analysis in Papers IV, V and VI.

The scattered appearance of the data points and the relatively
large standard deviations (SD) in Figure 4.13 probably result from
a heterogeneous medium with possible blood pooling at the front
surface of the fibres. The sensitivity to heterogeneous tissue struc-
tures, especially those present close to either the source or the de-
tection fibre, constitutes one of the major drawbacks of SR spec-
troscopy. The presence of a layered medium and the finite spa-
tial dimensions of the tissue under investigation have been shown
to cause erroneous results as discussed in Refs. [293–296] and in
Paper VIII. However, by utilising multiple source-detector dis-
tances, thereby probing different tissue depths as indicated in Fig-
ure 4.11, it is possible to gain information on layered tissue struc-

46



Light propagation

r

z

T

sf, Ωf
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interstitial light delivery and
detection utilising cut-end fibres.

tures and to assess the depth distribution of a fluorescent inclu-
sion [297, 298]. Furthermore, when employing a broadbanded light
source the spectral shape of the reflected or transmitted light also
contains information related to the depth distribution of a chro-
mophore or fluorophore [299, 300]. In comparison with the TR and
FR techniques, the instrumentation for SR spectroscopy is often
simple, cheap and robust.

By utilising smaller source-detector distances the probed tissue
volume is spatially confined but usually the diffusion approxima-
tion breaks down. Instead, the data analysis used to assess ab-
sorption and scattering levels need to rely on calibration via, for
example, Monte Carlo databases [301–303] or P3-theory [196]. In
the latter approach, more terms are included in the expansion of
the radiance, i.e. N=3 instead of 1 as used for the diffusion appro-
ximation, and thus the requirement of diffuse light propagation is
somewhat relaxed. Yet another approach has been investigated by
Amelink et al. for which the backscattered light is detected both
via the source fibre and via a second fibre in close contact with
the source fibre [304]. By subtracting the two reflection signals,
the differential path length of the photons in this residual signal is
independent of the optical properties of the tissue. The method,
referred to as differential path length spectroscopy (DPS), can be
used to extract the concentration of various chromophores, such
as haemoglobin and β-carotene, the average blood vessel diame-
ter and the scattering slope b in Equation (4.21). DPS has been
employed for optical diagnosis [305, 306] and for tracking PDT-
induced changes of the optical properties of the target tissue [307].

Non-contact imaging systems have been investigated as a
means to avoid the disturbing effects of contact-based surface
probes. A CCD [283, 285, 308] or a Fourier transform interfer-
ometric imaging system [309, 310] can be utilised to image R(ρ)
for a narrow beam incident on the planar surface of the scattering
and absorbing medium. By using data analysis based on diff-
usion theory, neural network or partial least squares (PLS), the
absorption and/or scattering coefficients can be assessed with an
accuracy of ±5-15%. Finally, the diffuse reflectance following spa-
tially modulated illumination has been utilised for optical property
mapping and depth-resolved imaging of heterogeneities in tissue
phantoms [311].

Single source-detector pair

Instrumentation relying on a single source-detector pair often in-
corporates broadbanded light sources. The total absorption spec-
trum is resolved into the components caused by individual ab-
sorbers, thereby assessing the concentration of the different tissue
chromophores. This section will discuss the use of the Beer-
Lambert law for monitoring chromophore concentration.
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Figure 4.15. a) For a relatively
large source-detector fibre
distance, L, the path lengths of
the detected photons are longer
for higher (dashed) than for lower
(solid) scattering levels. b) For a
small fibre separation the
situation is reversed with respect
to the scattering level.

From Equation (4.15) the modified Beer-Lambert law can be
derived;

A = ln
[I0

I

]
= µaDPF r + G (4.26)

Here, A is the absorbance defined using the natural logarithm and
G is a geometry-dependent factor representing scattering losses.
As in Section 4.3, r is the source-detector distance and DPF de-
notes the differential path length factor. In general, G is unknown
and hence the absolute absorption coefficient cannot be solved for
in a scattering medium. An alternative approach is to monitor
the absorbance change between two measurement time points as
presented in Equation (4.27).

∆A = ln
[I(t2)
I(t1)

]
= ∆µaDPF r + ∆G (4.27)

Time-of-flight and frequency-modulated studies have been utilised
to assess the DPF for some common measurement configura-
tions [312–314]. In utilising Equation (4.27) two brave and some-
times erroneous assumptions are often made; first the scattering
is assumed to remain constant between measurements, thereby
eliminating ∆G, and second, the DPF is assumed to be inde-
pendent of scattering level [247]. Inter- and intra-patient vari-
ations of the optical properties might thus result in significant
error in the predicted changes in chromophore concentration. The
modified Beer-Lambert law has been utilised to assess tissue oxy-
genation and cytochrome aa3 concentration in adult and neonatal
brain [315, 316]. Commercial systems are now offered by, among
others, Hamamatsu Photonics (Hamamatsu City, Japan5).

A different approach to the modified Beer-Lambert law has
been presented by Mourant et al. [317, 318]. Here, the source and
detector fibres are separated a certain distance L̃ that minimises
the dependence of the path length on the scattering coefficient. For
scattering levels typically found in tissue, i.e. µ′s=5-15 cm−1, L̃ is
in the range 1.5-2.6 mm. Figure 4.15 exemplifies the underlying
idea; for relatively large source-detector distances the average path
length of the detected photons is longer the higher the scattering
coefficient, whereas a very small r combined with low µs requires
the photons to penetrate relatively deep into the tissue before being
able to complete a full 180◦ turn. For some intermediate source-
detector distance, L̃, the path length, and hence the DPF, are quite
insensitive to variations in the scattering coefficient. Others have
proposed r ≈3-3.5 mm as the ”optimal” fibre separation [303, 319].
However, at this source-detector distance it is the reflectance, R(r),
and not the path length that displays minimal dependence on the
scattering level.

5http://sales.hamamatsu.com/en/products/system-division/medical-
instruments.php
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Figure 4.16. Ray-tracing software,
ASAP 8.0.3, Breault Research
Organization, Tucson, Arizona,
was utilised to assess the
absorption dependence of the
effective path length for a
source-detector distance of 2.0
mm. The plot illustrates the
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scattering coefficient and
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respectively.

In Refs. [317, 318] and in Paper I the effective path length,
Leff , replaces the term DPF r in Equation (4.27). Leff is derived
via Equation (4.28) and can be seen as representing some weighted
average path length of the detected photons. Here, the incident
light intensity I0 is considered to consist of n photons or photon
packages with individual weight I ′.

Leff =
1
µa

ln
[I0

I

]
=

1
µa

ln(
∑n

i=1 I ′)∑n
i=1 I ′ exp(−µaLi)

= (4.28)

1
µa

n∑n
i=1 exp(−µaLi)

= − 1
µa

ln〈exp(−µaLi)〉

As discussed above, Leff displays minimal dependence on the scatt-
ering level within the probed tissue. However, as detailed in
Ref. [318] it does depend on the total absorption coefficient µtot

a .
Here, µtot

a = ∆µa +µ0
a where µ0

a is the absorption coefficient at the
first measurement, t1, and ∆µa denotes the absorption change oc-
curring between t1 and t2. As the source-detector distance utilised
in Paper I was slightly larger than in the original work (2.0 instead
of 1.7 mm) non-sequential ray-tracing software was employed to
elucidate the exact dependence for our setup; see Figure 4.16.

In their original paper, Mourant et al. used data outside
the wavelength range of the dye absorption to fit a wavelength-
dependent background, representing the term ∆G in Equa-
tion (4.27). Furthermore, a certain assumption on the absorp-
tion level at t1 must be made as the effective path length re-
quires knowledge of µ0

a. In Ref. [318] it was assumed that tissue
absorption in the wavelength range 750 to 800 nm equals zero.
To avoid the unknown factor ∆G and include the possibility of
tissue absorption in the NIR wavelength range, we instead anal-
ysed each individual transmission signal without reference to any
time-zero measurement. First, we assumed that at 900 nm, ab-
sorption is caused only by water at 60% concentration (w/w) and
I(t1) = I0 exp[−µa(60% water)Leff(60% water)]. Next, the actual,
detected signal, I(t2), should also include the absorption caused
by any other tissue chromophores, ∆µa, such as deoxy- and oxy-
haemoglobin and photosensitiser, and would thereby be related to
I(t1) via Equation (4.29). Note that ∆G has been eliminated.

∆A = − ln
[I(t2)
I(t1)

]
= ∆µaLeff(∆µa + µa(60% water)) (4.29)

In Paper I we employed this particular probe for studying the
pharmacokinetics of mTHPC following topical application in a
murine skin tumour model. In contrast to the fluorescence imag-
ing results, the absorption spectroscopy data displayed an overall
good agreement with the chemical extraction data. We proposed
two main explanations for these observations; first, in contrast to
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Figure 4.17. a) The residual, ε,
between absorbance data and fit
shows a remarkable resemblance
with the mTHPC fluorescence
spectrum. The fit was performed
between 500 and 650 nm and did
not include the photosensitiser
fluorescence component. Here,
µ′s = 10 cm−1 and the mTHPC
concentration was 4 µM. b) The
calculated mTHPC concentration
versus the true concentration with
(♦) and without (�) the mTHPC
fluorescence component included
in the fitting procedure. The
spectral fitting interval was 500 to
750 nm and the same scattering
level as in a was used.

the absolute fluorescence signal; see Section 3.5.1, the absorbance-
based probe takes into account the varying absorption coefficient
within the probed tissue volume, and second, the average probing
depth [317] for the absorption spectroscopy setup matched that
of the skin lesions, whereas the violet excitation light used for
the fluorescence studies makes this method sensitive to only very
superficial tissue regions. However, fluorescence spectroscopy is
more sensitive than the absorption-based method. For example,
from experimental data of liquid tissue phantoms, containing 2.8-
3.7%(v/v) Intralipid and 0.35-1.05%(v/v) Pelikan Fount India ink
to give µ′s=7-9 cm−1 and µa=0.2-0.6 cm−1, the measured mTHPC
lower detection limit was 5 nM and 0.5 µM for the fluorescence and
absorbance-probe setups, respectively.

In Paper I, the ∆µa in Equation (4.29) included concentration
changes of mTHPC, deoxy- and oxyhaemoglobin as well as a com-
ponent corresponding to the mTHPC fluorescence. Figure 4.17a
illustrates a typical residual between the raw ∆A and the fit when
the mTHPC fluorescence component was not included. This resid-
ual shows a remarkable resemblance with the photosensitiser fluo-
rescence spectrum in Figure 3.6b. These data were acquired in
liquid tissue phantoms containing titanium oxide (TiO2) as scatt-
erer and the fit, relying on SVD analysis, was performed between
500 and 650 nm. Most likely, the fluorescence arises due to the rel-
atively strong emission in the violet-blue-green wavelength regions
of the pulsed xenon lamp used in the setup. The mTHPC fluo-
rescence thus overlaps the absorption Q-band at 652 nm, thereby
causing an apparent decrease in absorbance at this wavelength and
a risk of under-predicting the true concentration. In the data anal-
ysis, the fluorescent component was therefore implemented as a
”negative” chromophore with an extinction coefficient correspond-
ing to the mTHPC fluorescence spectrum. Figure 4.17b shows the
resulting underestimation of the mTHPC concentration when the
fluorescence component of the photosensitiser was excluded from
the data analysis. The degree of underestimation was dependent
on the spectral fitting range and when only including 500 to 620
nm, thereby avoiding wavelengths at which mTHPC fluoresce, the
effect was minimal. However, due to the strong absorption by
blood we found it necessary to include the red and NIR wave-
lengths in the analysis of in vivo data. In Figure 4.17b the calcu-
lated mTHPC concentration with the photosensitiser fluorescence
component included in the analysis shows excellent agreement with
the true photosensitiser concentration. Similarly good results were
achieved for µ′s in the range 5 to 15 cm−1. As discussed in Paper I,
excluding the fluorescent component from the analysis of in vivo
data led to an underestimation of the mTHPC concentration by a
factor of two as compared to the extraction results.
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Chapter 5

PDT dosimetry

This chapter introduces different PDT dosimetry models which
have been categorised according to Wilson et al. [215, 320];

(i) Direct dosimetry; Section 5.1: The dose metric is based on
the amount of singlet oxygen produced during the treatment.

(ii) Explicit dosimetry; Section 5.2: The dose metric is defined
based on multiple parameters relevant to the photodynamic
reaction. Such parameters might be light, photosensitiser
and oxygen levels.

(iii) Implicit dosimetry; Section 5.3: The dose metric is based on
a single parameter, for example the photobleaching kinetics
of the photosensitiser.

(iv) Dosimetry via biological response; Section 5.4: The dose
metric is related to the immediate biological response of the
tissue to the treatment. For example, changes in blood flow
has been correlated to the PDT treatment response.

These models are more or less complex, but still only represent
crude simplifications of the biological processes involved in PDT.
The models do, for instance, not consider the micro-localisation of
the parameters included in the model, other stress conditions aff-
ecting the individual cells in the treated tissue volume, treatment-
induced re-localisation of the photosensitiser etc.

Following this introduction, Section 5.5 discusses the need for
individualised PDT. This section also summarises our research to-
wards implementing an instrument with realtime treatment feed-
back for IPDT in prostate tissue. Many of the conclusions pre-
sented in Papers IV, V, VI, VII and VIII will be discussed.
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indicate variables that can be
monitored in connection to
explicit PDT dosimetry.

5.1 Direct PDT dosimetry

Singlet-oxygen luminescence dosimetry (SOLD) has been investi-
gated as a tool for direct PDT dosimetry. The technique relies
on the assumption that the PDT effect is mainly exerted via the
Type II pathway as discussed in Section 2.1. SOLD quantifies the
amount of singlet oxygen by detecting the 1O2 luminescence at
1270 nm; see Figure 5.1. The short lifetime of 1O2 in biological
media and the low probability for the transition 1∆+

g →3 Σ−g (0)
makes it extremely difficult to detect this NIR luminescence signal
and to discriminate it from background light and/or background
fluorescence. For some time conflicting reports existed regard-
ing the feasibility of in vivo detection of singlet-oxygen lumines-
cence [321, 322]. However, a great deal due to improved NIR-
sensitive photomultiplier tubes and time-gated detection it has
been possible to monitor singlet-oxygen production in parallel to
PDT both in in vitro and in vivo systems [323]. Furthermore, de-
spite varying treatment conditions, such as different light delivery
rates, photosensitiser and light doses, a strong correlation between
cell survival and the cumulative 1O2 luminescent count has been
demonstrated both in cell suspensions [324] and in vivo [325, 326].
These observations thus support both the notion of singlet oxygen
as the main cytotoxic agent and the use of the total amount of sing-
let oxygen as a direct and predictive PDT dose metric [320]. As will
be discussed in Section 5.2, most explicit dosimetry models rely on
the concept of a dose threshold that must be exceeded in order to
irreversibly induce tissue damage. However, often no threshold
is obvious from ”cell-survival versus cumulative 1O2 production”
curves. Instead the number of singlet-oxygen molecules required
to induce a surviving fraction of 1/e per cell is used to quantify
the sensitivity to PDT [324]. For cell suspensions sensitised with
PpIX, ∼ 107 1O2 molecules per cell were needed to induce a 1/e
surviving fraction [324]. At the moment, work is in progress trying
to bring SOLD into clinical use, to correctly interpret the lumines-
cence signals by also taking into account tissue heterogeneity, to
implement the ultimate goal of realtime treatment feedback [320]
and to further investigate the diffusion distance of singlet-oxygen
molecules in biological tissues [24].

5.2 Explicit PDT dosimetry

The explicit PDT dosimetry model takes into account the entire
pathway starting at the absorption of light and ending at the pro-
duction of singlet oxygen. Thus, it is necessary to monitor the
activating light, Φ, the photosensitiser concentration, [S0], and
the oxygen level, [3O2], as illustrated in Figure 5.2. The photo-
sensitiser concentration can be quantified via its fluorescence or
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the partial pressure of oxygen to
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absorption signal as outlined in Sections 3.5.1 and 4.5.1, respec-
tively. The partial oxygen pressure of the tissue, pO2 , can be mea-
sured by polarographic microelectrode probes [327], fluorescence-
and phosphorescence-based techniques [327], electron paramag-
netic resonance oximetry [328] or hypoxia markers [329]. Further-
more, the oxygen saturation of tissue, defined in Equation (4.20),
can also be monitored via optical techniques and put in relation to
the partial pressure of oxygen via Equation (5.1). This so called
Hill curve, shown in Figure 5.3, describes the dissociation of oxygen
from haemoglobin in the tissue on a macroscopic scale. p50 equals
the partial pressure of oxygen at which half of the haemoglobin
binding sites are bound to oxygen and n is the Hill coefficient.

SO2 =
(pO2)

n

(pO2)n + (p50)n
(5.1)

Utilising an explicit dosimetry model, the measured parameters
need to be incorporated into some dose metric, DPDT, that pref-
erentially correlates with and is predictive of the PDT effect [215].
Following PDT, damaged regions often display a distinct bor-
der to unaffected tissue [330], an observation that has coined the
threshold dose concept. This hypothesis states that only tissue
regions exposed to a PDT dose exceeding some threshold value,
i.e. DPDT > Dthreshold, experience irreversible damage.

Explicit dose metrics with different degrees of sophistication
have been investigated. For example, in a clinical setting, where
it is easiest to control parameters such as the total light dose, the
light delivery rate, the administered photosensitiser dose and the
DLI, dose metrics are often based on only the light and photosen-
sitiser doses according to Equation (5.2).

DPDT = α

∫
ε[S0(t)]Φ(t)dt (5.2)

Here, ε denotes the extinction coefficient of the photosensitiser
and α is a constant that can be included to reflect the varying
sensitivity of different cell lines or tissue types to the treatment.
Reciprocity of light and drug doses has been observed [331, 332],
meaning that similar PDT effects can be achieved if varying the
light and photosensitiser doses in such a way as to keep the prod-
uct of the two invariant. However, photosensitiser photobleaching
and the oxygen-dependence of PDT lead to failure of reciprocity
and emphasise the importance of including the time-dependence
in Equation (5.2) [333, 334].

An even cruder PDT dose metric incorporates only the total
light dose, Equation (5.3), thus disregarding the effects a varying,
subject-specific photosensitiser concentration [335, 336]. The use
of this simplified model is particularly tempting due to the relative
ease of manipulating the light dose and the extensive theory for
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Figure 5.4. Illustration of some of
the interdependencies between the
light, photosensitiser, PS, and
oxygen. Light induces
photosensitiser photobleaching
and oxygen consumption. On the
other hand, high photosensitiser
concentration increases light
absorption and limits/shields light
penetration. Tissue
de-oxygenation induced by the
photodynamic reaction further
increases tissue absorbance.
Finally, the excited
photosensitiser consumes oxygen
via the photodynamic reaction.

describing light propagation in biological tissue [337].

DPDT = α

∫
Φ(t)dt (5.3)

Although the two dose metrics proposed in Equations (5.2) and
(5.3) might be valid over limited dose ranges, for certain photosen-
sitisers and treatment conditions, they are obviously quite crude as
they ignore the effects of oxygen on the resulting PDT effect. As
already mentioned in Section 2.2.2, the oxygen consumption and
the vascular effects associated with PDT are capable of render-
ing the target tissue hypoxic, thus preventing further direct PDT
damage [19, 338–341]. Different light irradiation schemes have
been employed with the purpose to limit light-induced oxygen de-
pletion and to allow tissue re-oxygenation. For example, utilising
lower light delivery rates, thereby decreasing the instantaneous
oxygen consumption of the photodynamic reaction, higher oxygen
levels and improved treatment outcome have been observed in var-
ious animal models following Photofrin- [342], AlS2Pc- [343], BPD-
MA- [344], ALA- [217, 344, 345] and mTHPC-mediated [340, 346–
348] PDT. On the extreme end, metronomic PDT (mPDT), during
which both photosensitiser and light are delivered at low rates for
extended time periods, i.e. several days, has been investigated
in order to increase the tumour-selectivity of the treatment [349].
Furthermore, irradiation fractionation, i.e. splitting the therapeu-
tic light delivery into multiple fractions separated by dark periods,
has been proposed to improve the PDT outcome by allowing tissue
re-oxygenation during the dark intervals [350, 351]. Improved PDT
efficacy has indeed been observed when comparing CW to frac-
tionated irradiation, with dark intervals in the range of seconds
to minutes, following ALA [217, 344, 352] and mTHPC [346, 348]
administration.

Thus, from the above cited results it is clear that an explicit
PDT dose metric must take into account not only the light and
photosensitiser doses but also the oxygenation level within the tar-
get tissue. Furthermore, the use of explicit dosimetry is compli-
cated by the interdependencies of all variables involved in the PDT
process as illustrated in Figure 5.4. For example, the therapeutic
irradiation photobleaches the photosensitiser and consumes oxy-
gen. On the other hand, the increased light absorption caused
by high photosensitiser concentration [215] and light-induced de-
oxygenation of the tissue limits light propagation [86]. Finally,
photosensitiser consumption caused by ROS, in particular singlet
oxygen, introduces a strong connection between the oxygen and
photosensitiser concentrations. A dose model that implicitly takes
into account these interdependencies will be presented in the follo-
wing section.
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5.3 Implicit PDT dosimetry

Numerous studies have observed a strong correlation between the
PDT effect and the degree and/or rate of ALA [217, 353, 354]
or mTHPC [219, 355] photobleaching. The explanation to this
phenomenon, motivating the use of the kinetics of photosensitiser
photobleaching as an implicit dose metric, is that tissue damage
and photosensitiser bleaching are both induced by the same pro-
cess(es). Separate assessment of fluence rate, photosensitiser and
oxygen are thus unnecessary since one single variable yields infor-
mation related to the amount of toxic substance induced by the
treatment. High ROS levels induce pronounced and rapid photo-
sensitiser bleaching as well as extensive tissue damage and hence
the use of an implicit dose model actually invokes a relationship
between the PDT effect and the photosensitiser concentration in
direct conflict with in Equation (5.2). Whereas this equation im-
plies a greater treatment effect for the case of no photobleaching,
i.e. when [S0(t)] remains high throughout the entire treatment, the
implicit approach predicts the opposite behaviour. Although attr-
active due to its simplicity, the validity of the implicit PDT dose
model is greatly influenced by the mechanism of photosensitiser
photobleaching [356].

5.3.1 Photobleaching mechanisms

The reactions that cause irreversible photosensitiser destruction
are summarised in Equations (5.4)-(5.6). These equations explic-
itly account for reactions between photosensitiser ground state and
singlet oxygen, Equation (5.4), substrate and excited singlet state
of the photosensitiser, Equation (5.5), and substrate and excited
triplet state of the photosensitiser, Equation (5.6). Table 5.1 lists
symbols used throughout this chapter. Unless otherwise stated,
all parameters are time-dependent.

S0 +1 O2 →kos PP + SO (5.4)
S1 + A →ksa PP + SA (5.5)
T1 + A →kta

PP + SA (5.6)

Furthermore, singlet oxygen is consumed as described by the follo-
wing reactions;

1O2 + S0 →kos
PP + SO (5.7)

1O2 + A →koa
AO (5.8)

The corresponding rate equations are given by Equations (5.9)-
(5.13).
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5.3.1 Photobleaching mechanisms

Table 5.1: The notation pertaining to this chapter. Remaining
parameters have been defined in the ”Nomenclature” on pages xv-
xvi.
Symbol Explanation Unit

A cellular target
SO, SA, AO oxidative products
PP photoproduct
σS0 S0 absorption cross section cm2

Rate constants:
kf S1 → S0 s−1

kp T1 → S0 s−1

kisc S1 → T1 s−1

kd
1O2 →3 O2 s−1

kot T1 +3 O2 M−1 s−1

kos
1O2 + S0 M−1 s−1

koa
1O2 + A M−1 s−1

ksa S1 + A M−1 s−1

kta T1 + A M−1 s−1
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Figure 5.5. The concentration of
ground state photosensitiser
assuming bleaching kinetics
according to Equation (5.14) for
different [SO(t0)]. Here, the decay
rate, β = −σSO/(hν), was set to
0.036 J−1cm2. Different fluence
rates would yield overlapping
curves.

d[S0]
dt

= −[S0]
σSOΦ

hν
+ kf [S1] + kp[T1] + kot[T1][3O2]−

kos[S0][1O2] (5.9)
d[S1]
dt

= [S0]
σSOΦ

hν
− kf [S1]− kisc[S1]− ksa[A][S1] (5.10)

d[T1]
dt

= kisc[S1]− kp[T1]− kot[T1][3O2]− kta[A][T1] (5.11)

d[3O2]
dt

= −Φ∆kot[T1][3O2] + kd[1O2] (5.12)

d[1O2]
dt

= Φ∆kot[T1][3O2]− kd[1O2]− koa[A][1O2]−

kos[S0][1O2] (5.13)

Within a commonly used model, the analysis is restricted to
Equation (5.9) and furthermore includes only the first term on the
right hand side of this rate equation. The solution to this rate
equation, as given by Equation (5.14), predicts photosensitiser
bleaching that depends only on the fluence and the photosensi-
tiser concentration according to first-order kinetics [333, 334, 357].
As shown in Figure 5.5, this model predicts an exponential de-
cay of the photosensitiser concentration with respect to the light
dose, Φ t, a behaviour that is seldom observed in practise [358]
and that fails to correctly account for the oxygen and fluence rate
dependency of the bleaching kinetics [359]. In Paper V it was also
observed that the in vivo PpIX fluorescence signal could not be
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Figure 5.6. Photosensitiser
photobleaching for different
[S0(t0)] according to
Equation (5.15). Here, the term
Φ∆ΦtσS0kos

kd+koa[A]
was set to 10.

Different fluence rates yield
overlapping curves.

described by Equation (5.14).

[S0(t)] = [S0(t0)] exp(−σSOΦ t

hν
) (5.14)

A second-order model has been proposed by Forrer et al. [360]
and is given in Equation (5.15) [345]. Here, the time derivatives
in Equations (5.10)-(5.13) have been set to zero, the [3O2] is ass-
umed non-limiting and only singlet oxygen-mediated photosensi-
tiser bleaching is taken into account.

[S0(t)] = [S0(t0)]
[
1 +

[S0(t0)]Φ∆ΦtσSOkos

kd + koa[A]
Φt

]−1

(5.15)

Figure 5.6 illustrates some bleaching curves for varying initial
photosensitiser concentrations. However, this model fails to take
into account the influence of varying oxygen concentration and it
also predicts a photobleaching rate independent of the fluence rate,
clearly deviating from experimental results [345].

Foster et al. have devoted extensive work on evaluating Equa-
tions (5.9)-(5.13) for PDT employing various photosensitisers on
multicell spheroids [131, 359, 361] and in vivo [362]. First, re-
stricting the analysis to singlet oxygen-mediated photobleaching,
the photosensitiser concentration is given by Equation (5.16).

[S0(t)] = [S0(t0)] exp
(
− kos

∫
[1O2(t′)]dt′

)
(5.16)

where

[1O2] = Φ∆Φt
σS0Φ
hν

kot[3O2]
kot[3O2] + kp

1
kd + koa[A]

(5.17)

This model has been shown to appropriately describe Photofrin
and PpIX fluorescence levels in multicell spheroids for varying flu-
ence rates, light doses and oxygenation conditions [359, 361]. Fur-
thermore, solving the rate equations after incorporating a model
for the oxygen diffusion kinetics within the cell spheroids, the the-
oretically calculated [3O2] was in good agreement with measured
data [359, 361]. By putting the resulting PDT effect in relation
to the calculated cumulative 1O2 production, the threshold dose
of singlet oxygen was determined to 12.1±1.2 mM for EMT6 cell
spheroids [361].

Despite the good agreement obtained between theory and ex-
perimental results for the 1O2-mediated photobleaching model as
described by Equation (5.16), a mixed bleaching mechanism, in-
cluding both 1O2- and T1-mediated bleaching has been investi-
gated [362]. This mixed model was prompted by the observation of
slightly increased photobleaching rates of Photofrin at higher irra-
diances, thus possibly contradicting the notion of lower bleaching
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efficiency during hypoxic conditions. The rate equation for this
mixed photobleaching model is given in Equation (5.18). After
simplifying the analysis by assuming a constant oxygen level, the
photosensitiser concentration can be expressed by Equation (5.19).

d[S0]
dt

= −kta[A][T1]− kos[1O2] (5.18)

[S0] =
[( 1

[S0(t0)]
+ c1

)
exp(c2t)− c1

]−1

(5.19)

Here, c1 and c2 can be expressed in terms of the parameters in
Table 5.1; see Ref. [362] for details. According to this model, the
Photofrin bleaching is predominantly mediated via 1O2 at high
photosensitiser levels, whereas at low Photofrin concentrations the
triplet-mediated reaction is more efficient. This effect, as well as
theoretical predictions of the photoproduct kinetics, were indeed
confirmed by in vivo observations and in cell spheroids [362]. How-
ever, experimental [3O2] measurements agreed equally well with
both the purely 1O2- and the T1-mediated bleaching model.

Although the different models of photobleaching kinetics, i.e.
Equations (5.14), (5.15), (5.16) and (5.19), have been confirmed
experimentally for certain treatment conditions, it is likely that in
vivo photobleaching is a highly complex process. A general expr-
ession relating photosensitiser distribution to fluence rate, oxygen
concentration and type of biological target must take into account
both singlet oxygen- and excited state photosensitiser-mediated
bleaching, light-induced re-localisation of the photosensitiser, aff-
ecting the microenvironment and thus the triplet, singlet and fluo-
rescence yields, and the influence of the optical properties on the
fluorescence signal. It remains to be verified whether an implicit
dose model is capable of incorporating these effects.

5.4 Dosimetry via biological response

As discussed in Section 2.2.2, PDT exerts some of its action
by damage to endothelial cells within the vasculature. The de-
gree of these vascular effects depends on the photosensitiser, DLI
and tissue type. By monitoring the local blood flow, several
treatment-induced physiological alterations have been observed.
For example, utilising diffuse correlation spectroscopy (DCS) dur-
ing Photofrin-mediated PDT, an initial increase followed by a de-
crease in local blood flow has been observed [363]. The decrease
displayed significant correlation with the resulting PDT effect.
Laser Doppler [364–366], interstitial Doppler OCT [367], Doppler
ultrasound [368] and fluorescein angiography [369] have also been
utilised to monitor blood flow during PDT.

Electrical impedance spectroscopy (EIS) has been employed
to study the permittivity during in vitro and in vivo PDT [370].
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Figure 5.7. The PpIX fluorescence
intensity (at 635 nm) pre-PDT at
a) the tissue surface and at b) 1
mm depth. m-ALA was applied
topically four hours prior to the
fluorescence investigation.
Intra-tumoural m-ALA
administration was also utilised
for treatments 4, 6 and 8. Error
bars represent ±1SD in case of
multiple measurement sites. Data
were collected using the
instrument described in Ref. [172].

It has been observed that treatment-induced changes of the per-
mittivity were dose-dependent and could be correlated to tissue
oedema, cell necrosis and vascular damage. Furthermore, the
apoptotic and necrotic cell damage was shown to result in diff-
erent EIS signals.

As cell damage is associated with changes in water diffusion,
diffusion-weighted magnetic resonance imaging (DW-MRI) is use-
ful for detecting treatment response following for example chemo-
and radiation therapy. Recently, DW-MRI was employed to detect
early changes, i.e occurring within seven hours following treatment,
of the water diffusion coefficient [371]. Although this method is not
a realtime dosimetry tool, it might prove useful in early response
monitoring.

5.5 Towards interactive IPDT

5.5.1 Is there a need for realtime individualised
dosimetry?

In the clinical setting it is common to specify only standardised
light and drug doses. By defining the PDT dose, DPDT, in terms
of the total, delivered light energy (in J/cm2 for topical irradia-
tion, in J/cm for cylindrical diffusing light sources and in J for
point sources, such as cut-end or isotropic fibre tips) and the ad-
ministered bolus dose of photosensitiser (in mg/kg b.w.) inter- and
intra-patient variations in optical properties, photosensitiser distri-
bution and tissue vasculature are obviously ignored. Furthermore,
the geometry of the target tissue, such as the thickness of a skin
lesion, the total prostate volume or the location of nearby OAR,
is often highly patient-specific. Finally, any treatment-induced
changes of the tissue composition may also affect the PDT dose
being deposited.

The clinical data presented in Papers IV, V and VI provide
evidence for intra- and inter-patient variations of many parameters
relevant to the treatment outcome. For example, the hetero-
geneous structure of the treated skin lesions caused spatial varia-
tions of µeff ; see for example Figure 4.13b in Section 4.6.2. Further-
more, Figure 5.7 displays the varying in vivo PpIX concentration
at and slightly below the tissue surface. In addition, treatment-
induced changes of light transmission, degree and rate of PpIX
photobleaching and variations of total haemoglobin content diff-
ered among patients as shown in Figure 5.8.

For observations in in vivo prostate tissue, the extensive studies
performed by the research groups in Toronto and Pennsylvania
serve as excellent references.

At the University of Toronto, SR spectroscopy, relying on
cylindrical diffusing light sources and isotropic detectors, has been
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Figure 5.8. a) The light transmission at the therapeutic wavelength and
b) the PpIX fluorescence level remaining at the end of each treatment
session. For each treatment, the data have been normalised to their
respective initial level. c) The treatment-specific initial PpIX photo-
bleaching rate (with respect to the delivered light dose). d) The relative
change in total haemoglobin content for each treatment session. Error
bars represent ±1SD.

employed to assess the patient-specific µa and µ′s [100]. Inter-
patient variations in light distribution as well as fluctuations of the
fluence rate occurring during the treatment have been reported.
Supporting their observations of heterogeneous tissue structure,
the PDT response, following delivery of a standardised light dose,
exhibited large variations ([101], Weersink, personal communica-
tion).

At the University of Pennsylvania, an integrated system is be-
ing developed that is capable of monitoring the fluence rate dur-
ing MLu-mediated PDT, the absorption and reduced scattering
coefficients of the target tissue, the photosensitiser concentration
and the tissue oxygenation [104, 372, 373]. The optical properties
are assessed by SR spectroscopy but in contrast to the Toronto
group, both source and detector fibres consist small isotropically
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emitting/receiving spherical diffusors. Step-motors are utilised to
acquire the fluence rate distribution for several source depths and
hundreds of detector positions [372]. Significant intra- and inter-
patient variations in µa (range: 0.07-1.62 cm−1) and µ′s (range:
1.1-44 cm−1) have been observed and for some measurement loca-
tions the fluence rate have been shown to vary also during the
treatment session. Similarly, a heterogeneous MLu concentration,
as assessed by both fluorescence and absorption spectroscopy, has
been observed [373]. Although the irradiation times were deter-
mined by in situ fluence measurements at a few selected sites, a
variable the PDT response was reported [103].

Due to the observed intra- and inter-patient variations in flu-
ence rate, photosensitiser distribution and tissue oxygenation,
these groups are now developing instrumentation that integrates
therapeutic light delivery with realtime monitoring of these para-
meters. The ultimate aim of such online treatment monitoring
is to introduce treatment feedback and optimisation. Investiga-
tions along these lines have also been discussed in the treatment
of bladder cancer [374] and Barrett’s eosophagus [375], for which
in situ dosimetry guarantees delivery of a prescribed light dose.
Bringing the concept of realtime dosimetry one step further, Hasan
and Pogue et al. have included subject-specific light and photo-
sensitiser levels in the dose metric and studied its correlation to
treatment outcome. For example, by compensating the total light
dose for variations in pre-treatment photosensitiser uptake, the
differences in PDT response were decreased in an animal tumour
model [376]. Improved treatment control was also reported by
letting the PDT dose metric equal the product of measured flu-
ence rate and photosensitiser concentration integrated only over
time periods of rapid photosensitiser bleaching [377]. Adopting
the idea of 1O2-mediated tissue destruction and photosensitiser
bleaching as discussed in Section 5.3, this dose metric (implicitly)
incorporates also the oxygen concentration. It was shown that for
fractionated irradiation, each dark period was followed by a time
interval of increased rate of photobleaching. A realtime treatment
control might thus aim at pausing light delivery when photosen-
sitiser bleaching rates are low, thus allowing for re-oxygenation of
the target tissue.

In this section, some experimental data have been presented
that highlight the need for individualised dosimetry for IPDT in
massive skin tumours and in prostate tissue and that provide evi-
dence that for some animal tumour models and photosensitisers
the incorporation of intra- and inter-patient variations in the PDT
dose model results in improved treatment control. However, the
feasibility of online PDT dosimetry still remains to be elucidated in
the clinical situation. The next two sections will describe hardware
and software developments towards such an interactive system for
IPDT in prostate tissue.
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Figure 5.9. A schematic of the prototype instrumentation described in
Paper IV. Also shown is a digital photo of the instrument.

5.5.2 The Lund setup

The work described in Paper IV aimed at developing hardware
allowing for realtime PDT monitoring according to an explicit dose
model. Figure 5.9 is a sketch of our prototype instrument devel-
oped in 2004. The light coupler A is used to control the operating
mode of the instrument; either treatment or measurement mode.
While in treatment mode, the output from six diode lasers, L1..6,
is transmitted via A into six 400 µm-diameter patient fibres. As
this instrument was developed for PDT utilising PpIX, the thera-
peutic wavelength is 635 nm. The maximum output power per
fibre is approximately 200 mW. In measurement mode, the light
coupler B sequentially transmits light from the two diagnostic light
sources D1 and D2 into each of the patient fibres. The diagnostic
light sources consist of a 635 nm-diode laser (D1, similar to the
therapeutic light sources) and an LED (D2) covering the wave-
length interval between 750 and 800 nm. The light transmission
signals detected by the remaining five fibres are guided into the
detection unit. This unit allows for spectrally resolved detection
between 620 and 810 nm. Further hardware details can be found
in Paper IV. The system (excluding the computer) is enclosed in
a clinically compatible case measuring 30 cm x 43 cm x 21 cm
(length x width x height) and weighing 12 kg. Prior to each treat-
ment session, the patient fibers are calibrated to emit equal output
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Figure 5.10. The detected transmission spectra following excitation at
635 nm via patient fibre 3. The inset illustrates the fibre configuration.
Data were acquired during treatment session 6 as described in Paper V.

powers while in therapeutic mode. Experimental validation have
shown output power stability within ±5% and detection efficiency
stability of ±10% over single treatment sessions.

The two diagnostic light sources are utilised to assess three
parameters; 1) the light transmission at 635 nm, 2) the PpIX fluo-
rescence at 705 nm and 3) the tissue absorbance in the NIR wave-
length region.

Utilising D1, the transmission signals are employed to assess
µeff(635 nm) via SR spectroscopy as described in Section 4.6.2.
The possibility to track the patient-specific µeff(r, t) is of impor-
tance in delivering a prescribed light dose to the entire target geo-
metry as discussed in Paper VI. The heterogeneous tissue struc-
ture, the limited range of source-detector distances and the pres-
ence of bleeding at the front surfaces of the patient fibres com-
plicate the data analysis. As described in Papers V and VI, we
observed an increase in light absorption during the majority of the
PDT sessions. Furthermore, the almost complete loss of trans-
mission signal for a some source-detector pairs could possibly be
attributed to pronounced blood accumulation at the front surface
of a few patient fibres.

The PpIX concentration is monitored via its fluorescence, F , at
705 nm following excitation by D1. Thus, the 635 nm-transmission
and the PpIX fluorescence are contained in the same transmission
spectrum and can be monitored simultaneously; see Figure 5.10.
A Schott long-pass filter is necessary to reduce the dynamic range
of the detected spectrum. Another advantage of using the thera-
peutic instead if a less penetrating UV wavelength for inducing
photosensitiser fluorescence is that the probed tissue volume better
matches the treated tissue region.
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Figure 5.11. Photograph of the
P18 system developed in 2007. A
touch-screen allows the user to
operate the instrument.
Connectors for the patient fibres
(missing on the photo) are
situated on the right side.

(0,0,0)

(1,1,0)

(0,1,1)

(1,0,1)

Figure 5.12. Isodose spheres are
assumed to localise with their
centres at the corners of equally
sized and homogeneously
distributed tetrahedrons. A
tetrahedron with corners at the
displayed coordinates has its
centre located at (1/2, 1/2, 1/2).
The spheres need to overlap in
order to target tissue regions at
the centre of each tetrahedron,

hence δ =

√
1/4+1/4+1/4

1/
√

2
= 1.225.

Utilising the second diagnostic light source, D2, changes in the
tissue absorbance in the NIR wavelength range are assessed. The
absorbance spectra can then be related to the optical properties of
the tissue, and the absorption coefficient in particular, in order to
yield information on variations of the oxygen saturation and total
blood volume of the tissue; see Section 4.5.1.

Of importance to the development of explicit PDT dose models,
three observations reported in Paper V are repeated here;

(i) The light transmission changes, ∆T , at 635 nm and between
750 and 800 nm were consistent if assuming any ∆µa was
due to varying [Hb] and [HbO2].

(ii) ∆Hbtot ∝ −Tfinal, i.e. increases in blood volume decreases
the final light transmission and vice versa.

(iii) Tfinal ∝
(

∂F
∂DL initial

)−1, i.e. final transmission levels are
higher for treatment session displaying an initially rapid
PpIX photobleaching.

One might speculate on the interpretation of observation iii ; due
to the higher absorption of Hb as compared to HbO2, tissue de-
oxygenation would lead to increased light absorption as well as
lower photobleaching rates. However, our analysis of the NIR
transmission data did not reveal any significant treatment-induced
hypoxia. More detailed studies are needed to elucidate any relation
between photosensitiser bleaching kinetics and light transmission
levels at the therapeutic and NIR wavelengths. It is worth empha-
sising that explicit monitoring of light, photosensitiser and tissue
oxygenation is relevant both for increasing the understanding of
the in vivo PDT effects and in developing implicit dose metrics.

5.5.3 Prostate-PDT instrumentation and
dosimetry

Aided by the knowledge gained from the clinical trial described in
the previous section, we have developed an instrument, referred
to as P18 and shown in Figure 5.11, for IPDT in prostate tissue.
This instrument incorporates realtime treatment feedback based
on a light dose threshold model. In this section, necessary hard-
ware updates are discussed, followed by a description of the real-
time dosimetry module. Finally, some initial experimental results
related to system performance are given.

Adapting the instrumentation

The most prominent hardware adjustment enforced when aiming
at irradiating the entire prostate gland is the increase from six to
18 patient fibres (hence the name P18). However, the working
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Figure 5.13. Approximate
irradiation times for a 40
cm3-sized target tissue. µeff levels
were set to represent the mean
and mean±1SD values reported in
Ref. [110]. µeff=3.0 (�), 3.8 (©)
and 4.6 cm−1 (♦). The dashed
line indicates the 45-minute limit.

principle of the internal beamsplitter has not been modified. The
number 18 was decided upon somewhat arbitrarily but simplified
calculations can aid in illustrating the dependence of irradiation
times on number of patient fibres;

(i) Prostate volume: Vtot =40 cm3

(ii) Maximum targeted radius per fibre: Rmax = δ
(

3Vtot
4π #fibres

)1/3

(iii) Threshold light dose: DL =5 J/cm2

(iv) Φ at maximum radius: Φ(Rmax) = Pµ2
eff

4πµaRmax
exp(−µeffRmax)

(v) Irradiation time per fibre: ti = DL

Φ(Rmax)

Several simplifications have been employed in this chain of cal-
culations. First, it is assumed that the isodose surfaces of the flu-
ence rate originating from each source fibre are spherically shaped.
Thus, the target volume needs to be filled with these equally sized
spheres. The factor δ in item ii has been included in order to as-
certain overlapping isodose surfaces leaving no untargeted tissue
regions in between spheres. δ depends on sphere packing config-
uration. Here, δ = 1.225 as can be determined from geometrical
considerations for the packing configuration shown in Figure 5.12.
Furthermore, the threshold light dose value, item iii, has been esti-
mated from the results presented by Bown et al. ([97], personal
communication). From their results, a maximum treatment ra-
dius of 10 mm for each source fibre was found reasonable. The
use of the maximum, instead of the average, obtainable treatment
radius can be justified if assuming the smaller treatment volumes
were due to obstructed light propagation, for example caused by
blood pooling at the fibre tips. Ideally, such effects are monitored
and adjusted for by the realtime treatment monitoring scheme and
hence should not be incorporated into the set of baseline optical
properties. Utilising the average optical properties published in
Ref. [110], DL = Φ t at the transition zone between treated and
untreated tissue regions could be calculated. In calculating Φ we
assume diffuse light distribution, isotropic point sources and homo-
geneous medium. The resulting irradiation time for each patient
fibre is plotted in Figure 5.13 for varying µeff and number of light
delivering fibres. Here, the requirement on total irradiation time
not to exceed 45 minutes results in 12 as the minimum number
of necessary patient fibres. As several factors act to increase the
demand on irradiation times, for example that DL>5 J/cm2, that
the source fibres cannot be distributed uniformly throughout the
gland and that the target tissue absorption might exceed previ-
ously reported levels, the inclusion of 18 patient fibres provides a
safety margin.
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Figure 5.14. Flow chart illustrating the entire treatment procedure. A
transrectal ultrasound investigation, step (1), provides data utilised to
create a three-dimensional voxel representation of the target geometry,
step (2). Source fibre positions are calculated, step (3), fibres are in-
serted, step (4), and their individual irradiation times are predicted, step
(5). During the treatment session, dosimetric measurements, step (6),
and calculations, steps (8) and (9), repeatedly interrupt the therapeutic
irradiation, step (7). Thus, steps (6) and (8) track the fibre-specific ef-
fective attenuation coefficients, µeff(i). These coefficients are then used
to re-calculate the irradiation times of individual fibres, ti, thus updat-
ing the dose plan. The treatment session finishes once the remaining
irradiation times as predicted by step (9) equal zero.

Other hardware modifications include setting the output wave-
length of the treatment and first diagnostic light source (D1) to
652 nm in order to match the photosensitiser mTHPC. The second
diagnostic light source, i.e. the NIR-LED (D2), has been broad-
ened spectrally in order to achieve a more robust fit of εHb and
εHbO2 to measurement data. Finally, an added feature is a blue
LED for single-fibre fluorescence spectroscopy prior to therapeutic
light delivery.

Realtime prostate-IPDT dosimetry

Here, the intended treatment procedure as shown in Figure 5.14
will be discussed, some of the conclusions presented in Paper VIII
will be summarised and the assumptions inherent in our dose
model will be commented upon. Paper VIII provides a more de-
tailed description of the realtime dosimetry module, also referred
to as the Interactive DOsimetry by Sequential Evaluation (IDOSE)
module.

Via the built-in touch-screen and a graphical user interface,
the physician is guided through the pre-treatment and treatment
procedures shown in Figure 5.14. A transrectal ultrasound inves-
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tigation is performed to assess the geometry of the target tissue,
i.e. the prostate gland, as well as nearby OAR, consisting of the
urethra, rectum, cavernous nerve bundles, upper and lower sphinc-
ters. In step (3), an optimisation algorithm is employed to calcu-
late the source fibre positions for each patient-specific geometry.
Patient fibres are then calibrated, to guarantee 0.15 W output
power, guided into position by transperineally inserted hollow steel
needles and their actual positions are either confirmed or updated
depending on the deviations from the calculated set of fibre posi-
tions. The geometry model, the actual fibre positions and a set of
default optical properties are used as input for a Block-Cimmino
optimization algorithm [378–380] to predict required irradiation
times for all source fibers, step (5). Steps (3) and (5) employ a set
of ”default” optical properties that equals the average µa and µ′s
reported in Ref. [110].

During the treatment session, measurements, step (6), and
treatment, step (7), sequences are iterated. Immediately following
a measurement sequence, delivery of therapeutic irradiation, step
(7), runs in parallel to evaluating the measurement data, step (8).
This evaluation aims at assessing the effective attenuation coeffi-
cients of the tissue, which are then utilised by the Block-Cimmino
algorithm, step (9), for updating the irradiation times of individ-
ual fibres. Steps (6)-(9) are iterated until the remaining treatment
time as predicted by the Block-Cimmino algorithm equals zero.
This scheme, in which steps (6), (8) and (9) constitute the real-
time IDOSE module, aims at making it possible to deliver a certain
light dose to the entire target tissue despite spatial and temporal
variations of the optical properties at the therapeutic wavelength.

Step (3): Both a random-search and a generic algorithm have
been investigated for optimising source fibre positions within ar-
bitrary three-dimensional geometries. The latter method is de-
scribed in Paper VII. However, it was noted that for similar execu-
tion times, the random-search algorithm generally produced more
stable results irrespective of tissue geometry. This algorithm, de-
scribed in Ref. [381], was thus implemented in the P18 system.
Briefly, for every iteration each patient fibre is moved a limited
length in a random direction and a fitness function value is com-
puted according to Equation (5.20).

F̃ =
M∑

j=1

wtarget
j φij +

N∑
j=1

wOAR
j φij (5.20)

Here, M and N are chosen so that the first summation includes
25% of the prostate voxels with the lowest fluence rate and the
second summation includes 25% of the voxels within the OAR
with the highest fluence rate. The new set of fibre positions is
accepted only if the fibre movement leads to a higher fitness func-
tion value. In Equation (5.20), target tissue weights, wtarget

j , are
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positive, whereas wOAR
j <0. φij denotes the fluence rate in voxel

j due to an isotropic point source in voxel i. Here, the analytical
solution to the diffusion equation for an isotropic point source in
a homogeneous medium, Equation (4.10), is employed. The algo-
rithm thus seeks to maximise the fluence rate within the prostate
while minimising the light dose delivered to the OAR. The exe-
cution time determines the maximum number of iterations. For
a typical prostate geometry, no improvement of the resulting F̃ -
values could be observed for execution times exceeding 45 minutes,
which is the time slot reserved for the optimisation procedure in
the clinical setting.

Steps (6 & 8): In step (6), the light transmission levels between
patient fibres are monitored just as described in Section 5.5.2. Al-
though it is technically feasible, not all possible source-detector
configurations are utilised. Instead, only the light transmission
signals between each patient fibre and its six closest neighbours
are measured, thus restricting the probed tissue volume to regions
closer to the source fiber. Equation (4.25) in Section 4.6.2 is em-
ployed to fit data for these six source-detector distances to a fibre-
specific µeff(i).

Steps (5 & 9): Just as for the fibre positioning problem, deter-
mining the irradiation times of individual fibres can be expressed as
the requirement to deliver a light dose exceeding a pre-determined
threshold dose to the target tissue while minimising the dose in the
OAR. Here, the PDT dose is based on the fluence, i.e. the fluence
rate, Φ, multiplied by the irradiation time, t. In Equation (5.21)
the optimisation problem is stated as a system of inequalities for
the fluence.

Lj ≤ 〈Φj, t〉 =
∑

i

Φijti ≤ Uj j = 1, 2, .., J

ti ≥ 0 i = 1, 2, .., 18 (5.21)

Here, J is the number of tissue voxels and Lj and Uj represent the
tissue-specific lower and upper threshold doses, respectively. For
the OAR, Lj=0 and Uj=5 J/cm2, whereas for the target tissue
Lj=5 J/cm2 and Uj = ∞. In the Block-Cimmino optimisation
algorithm, each tissue type is given a certain weight, αj, which re-
flects the punishment associated with delivering a light dose out-
side the allowed interval. These importance weights were empiri-
cally adjusted to reflect the sensitivity of the different OAR and to
discriminate these organs from the target tissue. For the clinical
trial, we aim at delivering a light dose exceeding our pre-defined
threshold to at least 90% of the target tissue, whereas a maximum
of 25% of the voxels representing the rectum is allowed this light
dose. No dose restrictions are imposed on the normal tissue surr-
ounding the gland or on the urethra due to the transient periods
of catheterisation reported by others[97].
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Table 5.2: Details of phantom set used for evaluating P18 per-
formance. The total phantom volume was 800 ml and optical
properties were evaluated by the TR setup described in Ref. [110].
IL (20% Intralipid, Fresenius Kabi, Uppsala, Sweden) and ink (Pe-
likan Fount India Ink, Hannover, Germany) were used. The optical
properties are given in cm−1.

Phantom# µa µ′s µeff

1 0.58 8.0 3.9
2 3.6 7.7 4.0
3 3.6 7.7 4.2
4 2.8 7.4 3.2
5 4.3 10.3 3.7
6 3.6 9.2 4.0
7 2.8 7.9 4.1
8 4.3 10.7 4.6

The PDT dose: As literature on mTHPC distribution and
tissue oxygenation in in vivo prostate tissue during IPDT is sparse,
the development of our dose metric will proceed in a stepwise
manner. At present, the PDT dose equals the fluence only. This
simplification effectively means that we ignore the effects of hetero-
geneous photosensitiser distribution and photobleaching as well
as varying oxygen concentration and treatment-induced tissue hy-
poxia. However, the clinical trial will provide data on mTHPC
fluorescence and NIR absorbance that will aid in developing an
extended dose model, also taking into account the conclusions pre-
sented in Sections 5.2, 5.3 and 5.4.

Hardware performance

urethra rectum

Figure 5.15. The ”test” geometry
used for phantom measurements
also indicating patient fibre
numbers. Dimensions in
millimetres.

The performance of the P18 system1 was investigated using homo-
geneous, liquid tissue phantoms based on water, Intralipid and
ink; see further Table 5.2. Phantom 1 was manufactured to match
the average absorption and reduced scattering levels of in vivo
prostate tissue as observed in patient with primary prostate can-
cer [110]. Phantoms 2 and 3 presented increasing absorption levels
and Phantoms 4-8 were employed to investigate the performance
of the setup for a larger range of absorption and reduced scatter-
ing levels. In the test setup, shown in Figure 5.15, the fibres were
positioned at four discrete depths (5, 15, 20 and 25 mm) from the
imaginary prostate apex. Although delineated in the sketch, the
urethra and rectum were not included in the experimental phan-
tom. Measurement sequences according to the clinical protocol
were performed in the phantoms listed in Table 5.2 and the TR
spectroscopy setup described in Ref. [110] was utilised to cross-
check actual optical properties. In Figures 5.16, 5.17 and 5.18

1unpublished data
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Figure 5.16. a) µeff(i) evaluated by the P18 system. Markers represent
separate measurement sequences in Phantom 1. b) µeff averaged for 18
fibres. Dashed lines represent TR data and error bars denote ±1SD.
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Figure 5.17. µeff evaluated by the
P18 (solid) and TR (dashed)
setups for increasing absorption
coefficient. Error bars denote
±1SD.

Figure 5.18. The ratio, δ, between
µeff as evaluated by the P18 and
TR setups. Error bars denote
±1SD and grey planes indicate
δ = 1± 0.1.

the dashed lines represent the effective attenuation coefficient as
evaluated by the TR setup.

As shown in Figure 5.16 and Figure 5.17, µeff as determined
by the P18 system agrees relatively well with the TR data. Fig-
ure 5.17 also illustrates the ability of the setup to track an ab-
sorption increase. However, it seems µeff is often underestimated
as compared to the results of the TR setup. At the present, our
group is investigating different evaluating techniques for the TR
data and preliminary data indicate that the TR values reported
in Figures 5.16, 5.17 and 5.18 tend to slightly (i.e. within 5-10%)
overestimate both µa and µ′s. This seems to be due to that the in-
strumental response function of the time-of-flight system has been
measured in a way not exactly representing the tissue phantom
measurements2. The accuracy of the IPDT instrument might thus
be slightly better than indicated here.

The assumption of diffuse light propagation inherent in our
model can be justified by the relatively high albedo, ranging be-
tween 0.92 and 0.96 in Figure 5.17, as well as the large source-
detector distances, ranging between eight and 22 millimetres in this
”test” geometry. In Figure 5.18, the ratio between µeff as evaluated
by the P18 system and the TR setup is shown for µa ∈ [0.4, 0.7]
cm−1and µ′s ∈ [7.4, 10.7] cm−1. As expected, the lowest albedo
results in a slightly larger error. In summary, our results are esti-
mated to yield an accuracy within ±10% for the investigated range
of µeff , in agreement with previously reported results for which SR
spectroscopy and the theory of diffuse light propagation have been
employed; see further Section 4.6.2.

2E. Alerstam, MSc. Thesis, Lund University, to be published.
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Figure 5.19. a) Evaluated µeff
(solid) averaged over all fibres as a
function of the true µeff (dashed).
Error bars denote ±1SD. µ′s=8.7
cm−1 within the prostate for all
data points. b) DVHs of the
delivered light dose for evaluated
(solid) and true (dashed) µeff .
Here, the true µeff=3.7 cm−1. �
prostate, ◦ urethra, ∇ rectum, ∗
normal tissue.

The IDOSE module

Paper VIII presents an extensive evaluation of the IDOSE module.
The FEM was utilised for solving the diffusion equation within a re-
alistic prostate geometry, thus providing input data for the IDOSE
software module. As shown in Figure 5.19a, µeff was underesti-
mated at all absorption levels investigated. This underestimation
could be explained by the geometry model; here, the presence of an
air-filled urethra and surrounding tissue, which was characterised
by a lower overall attenuation, influenced light transmission be-
tween fibres. We thus concluded that the finite size of the prostate
gland and the heterogeneous tissue structure influence the diffuse
light distribution and hence the results obtained by the SR mea-
surement technique. In Figure 5.19b, the dose-volume histograms
(DVHs), i.e. plots of the tissue fractional volumes that receive a
certain treatment dose, of the fluence are shown corresponding to
true (dashed curve) and evaluated (solid curve) µeff . These DVHs
indicate a less efficient targeting of the prostate resulting from un-
derestimating the attenuation coefficient. On the other hand, the
treatment fractions, defined as the tissue fraction that receives the
100% threshold dose, of the remaining organs are rather insensitive
to the error associated with the evaluation of µeff .

The IDOSE module was also tested on a treatment scenario
displaying temporally varying µeff ; see Figure 5.20a. For this sim-
ulated treatment session, measurement sequences were performed
after 0, 1, 2, 3, 4, 5, 7, 9 and 11 min of therapeutic irradiation.
Following each measurement sequence, µeff(i) were evaluated and
used as input for the Block-Cimmino algorithm, thus updating
the irradiation times of individual fibres. Figure 5.20b illustrates
the resulting DVHs of the delivered fluence for the cases of no
treatment feedback, i.e. irradiation times as calculated based on
the first measurement sequence (dashed lines), and with treatment
feedback (solid lines). The feedback scheme obviously improves the
treatment fraction; ∼96% as compared to∼86% without treatment
feedback.

Is feedback worthwhile?

The ultimate question is whether the proposed feedback scheme
makes it practically possible to deliver a prescribed fluence to the
target tissue irrespective of temporally and spatially varying opti-
cal properties.

It all boils down to how well our assumed model represents the
in vivo situation. First there are errors associated with the light
distribution model, of which the perhaps most incorrect assump-
tion is that of sub-domains characterised by homogeneous optical
properties. As already discussed above, this assumption causes
an underestimation of µeff(i). For the geometry investigated in
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Figure 5.20. a) µeff (solid) during the simulated treatment session com-
pared to the default effective attenuation coefficient used for the pre-
treatment plan (dashed). Shaded areas indicate treatment sequences
and square markers denote measurement sequences. b) DVHs of the
delivered light dose without (dashed) and with (solid) treatment feed-
back. Symbols as in Figure 5.19.

Paper VIII, the µeff -underestimation decreases the treatment frac-
tion of the target tissue by 7% at µeff=3.7 cm−1. Furthermore,
the present evaluation scheme relies on the assumption of a con-
stant µ′s. However, the error analysis presented in Paper VIII
reveals that a varying scattering level only influences the resulting
treatment fraction within a few percent. Another important error
source is related to the practical problem of correctly positioning
the patient fibres. With ultrasound guidance one might achieve
an accuracy of ±1-2 mm. We thus studied the influence on the
treatment fraction of adding randomised deviations of the fibre
positions and observed a 6% reduction of the treatment fraction.
Note, however, that these two types of error were analysed within
a homogeneous medium in which the analytical expression for the
fluence rate from an isotropic point source, Equation (4.10), could
be used. These reductions of the treatment fraction are slightly less
than the under-treatment caused by not enabling treatment feed-
back (∼10%); see Figure 5.20. Thus, for the investigated geometry
the feedback scheme affects the light dose coverage to a similar or
slightly higher extent than do a heterogeneous tissue and slightly
deviating source fibre positions. Furthermore, as the deviations
from the assumed model all tend to decrease the treatment frac-
tion, in the case of a treatment-induced µa-increase the feedback
is of even greater importance in delivering a sufficient light dose.

The evaluation scheme also disregards the flux contribution
to the detected transmission signals. However, for the range of
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Figure 5.21. a) The fluence rate
(◦) and flux (+) as a function of
source-detector distance, r. Here,
µa=0.5 cm−1 and µ′s=9 cm−1. r
corresponds to the geometry
employed in Paper VIII. b) The
ratio between the fluence rate and
the vertical (z) component flux as
a function of source-detector
distance.

absorption and scattering levels typically found in in vivo prostate
tissue and for the source-detector distances employed, the fluence
rate exceeds the flux as shown in Figure 5.21.

We have not yet investigated the influence of other hetero-
geneities, such as tissue calcification, inhomogeneous vasculature
and possible blood accumulation at the front surface of the patient
fibres, on the dose distribution predicted by the IDOSE module.
These factors are likely to influence measurement data and result-
ing treatment fractions to a similar or even higher degree than the
effects analysed above. For example, blood pooling at the fibre tip
would heavily absorb the therapeutic irradiation, causing a many-
fold decrease of the apparent fibre output power and/or detected
transmission signal. Hence, a lower threshold for the signal-to-
noise ratio (SNR) of the detected transmission signals has been
implemented as a part of the IDOSE module. Measurement data
with poor SNR, for example originating from such occluded fibres,
might thus be excluded from the analysis. Only light transmission
data, assessed during in vivo IPDT in prostate tissue, can pro-
vide an indication on whether our feedback scheme can handle
this situation.

To summarise, deviations between the actual fluence distribu-
tion and a pre-treatment model thereof, based on some default
absorption and scattering coefficients, likely result in significant
differences in the treatment fraction of the prostate gland. The
IDOSE module has been shown to improve light dose coverage as
compared to the pre-treatment plan within a simplified geometry
model. At the moment, we are initiating a clinical phase I trial on
mTHPC-mediated PDT for primary prostate cancer. Thus, clin-
ical data on in vivo light transmission, mTHPC fluorescence and
NIR absorbance of the target tissue will become available. Ahead
lies extensive but interesting work in interpreting these signals and
extend the PDT dose model to include also the photosensitiser
concentration and tissue oxygenation. With the help of knowledge
gained from the far-reaching studies on PDT lying ahead, the full
answer to the expected benefits of realtime feedback for improving
PDT efficacy will be given.

73





Comments on the Papers

I 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. Alexan-

dratou, M. Kyriazi, D. Yova, S. Gräfe, T. Trebst, S. Andersson-

Engels

This paper is the first report on photosensitiser pharmacokinetics

following topical application of a liposomal mTHPC formulation.

Here, the mTHPC distribution was investigated four and six hours

after topical administration in a murine skin tumour model. Good

tumour-selective mTHPC uptake was observed with chemical ex-

traction, fluorescence and absorption spectroscopy.

I took part in hardware development, experimental preparation

and work as well as data analysis. I prepared the manuscript.

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

S. Andersson-Engels, S. Svanberg, K. Svanberg

In this work, we extended the study presented in Paper I to in-

clude human skin tumours. 35 relatively advanced skin lesions

were treated at the Lund University Hospital, Sweden, utilising

the liposomal mTHPC formulation and application times of four

hours. Fluorescence spectroscopy, both in imaging and point-

monitoring mode, was used to study photosensitiser distribution

and photobleaching induced by the therapeutic irradiation. As

reported in Paper I, good tumour-selective mTHPC uptake was

observed.

I took part in the experimental work and performed minor parts of

the data evaluation. I also contributed to parts of the manuscript.
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III Tumor selectivity at short times following systemic
administration of a liposomal Temoporfin
formulation in a murine tumor model
J. Svensson, A. Johansson, S. Gräfe, B. Gitter, T. Trebst,

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

As in Papers I and II, a liposomal mTHPC formulation was

used. Here, the systemic photosensitiser administration route was

used in a murine subcutaneous tumour model. The photosensi-

tiser pharmacokinetics were studied in tumour, skin and muscle

as well as in various internal organs. Good tumour-to-skin and

tumour-to-muscle selectivity was observed already at two to eight

hours after mTHPC administration. Our results indicated a rapid

biodistribution and clearance from the blood stream.

I took part in hardware development, experimental preparation

and work work as well as data analysis. I also prepared parts of

the manuscript.

IV Clinical system for interstitial photodynamic
therapy with combined on-line dosimetry
measurements
M. Soto Thompson, A. Johansson, T. Johansson, S. Andersson-

Engels, S. Svanberg, N. Bendsoe, K. Svanberg

This paper is the first report on our novel instrument for

interstitial PDT combined with realtime monitoring of light

transmission, photosensitiser (PpIX) fluorescence and tissue ab-

sorbance in the NIR wavelength region. Here, focus was on in-

strument performance but we also presented some initial clinical

data from treatments of nodular skin lesions performed at the

Lund University Hospital, Sweden.

I took part in instrumental development and clinical work. I per-

formed major part of the data evaluation and prepared substantial

parts of the manuscript.
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V In vivo measurement of parameters of dosimetric
importance during interstitial photodynamic
therapy of thick skin tumors
A. Johansson, T. Johansson, M. Soto Thompson, N. Bendsoe,

K. Svanberg, S. Svanberg, S. Andersson-Engels

In this paper, we present extended evaluation of the data gathered

during the clinical work described in Paper IV. We tried to inter-

pret the temporal variations of tissue light absorption and PpIX

fluorescence in terms of existing PDT dose models and treatment-

induced physiological changes. We speculated on the feasibility

of implementing realtime treatment feedback based on the spec-

troscopic measurements.

I took part in instrumental development and clinical work. I per-

formed the data evaluation and prepared the manuscript.

VI Influence of treatment-induced changes in tissue
absorption on treatment volume during interstitial
photodynamic therapy of thick skin tumors
A. Johansson, N. Bendsoe, K. Svanberg, S. Svanberg,

S. Andersson-Engels

This manuscript is again a continuation of the results presented

in Paper IV. Here, we utilised the clinical data on tissue light

transmission at the therapeutic wavelength to model the tissue

volume exposed to a certain light dose. This post-PDT analysis

indicated significant differences between the intended and actual

light dose distributions. Hence, we concluded there is a need for

treatment monitoring in order to ascertain delivery of a prescribed

light dose to the entire target tissue.

I took part in instrumental development and clinical work. I per-

formed data evaluation and prepared the manuscript.

VII Pre-treatment dosimetry for interstitial
photodynamic therapy
A. Johansson, J. Hjelm, A. Eriksson, S. Andersson-Engels

In this conference proceeding, we present the use of a generic al-

gorithm for optimising light source positions in arbitrary geome-

tries. The performance of the algorithm was tested on a prostate

geometry model and the tissue weights were varied to reflect the

sensitivity of the different risk organs.

I supervised the software development, carried out data analysis

and prepared the manuscript.
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VIII Realtime light dosimetry software tools for
interstitial photodynamic therapy of the human
prostate
A. Johansson, J. Axelsson, J. Swartling, S. Andersson-Engels

This manuscript presents the most recent software module for

realtime treatment supervision and feedback. These algorithms

have been implemented on a novel IPDT instrument to be used

for mTHPC-mediated PDT on primary prostate cancer. Experi-

ence gained from the work described in Papers IV, V, VI and

VII was used for developing realtime feedback based on a light

dose threshold model. The algorithms were tested on a realistic

prostate geometry and it was concluded that the realtime dosime-

try module made it possible to deliver a certain light dose to the

target tissue despite spatial and temporal variations of the target

tissue optical properties at the therapeutic wavelength.

I took part in developing software and data analysis. Finally, I

prepared most parts of the manuscript.
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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 ad-
ministration 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 h in a murine skin tumor
model. Extraction data indicated an average �± standard deviation
�SD�� mTHPC concentration within lesions of 6.0�±3.1� ng/mg tissue
with no significant difference �p�0.05� between 4- and 6-h applica-
tion times and undetectable levels of generalized photosensitivity. Ab-
sorption spectroscopy and chemical extraction both indicated a sig-
nificant selectivity between lesion and normal surrounding skin at 4
and 6 h, whereas the more sensitive fluorescence imaging setup re-
vealed significant selectivity only for the 4-h application time. Ab-
sorption data showed a significant correlation with extraction,
whereas the results from the fluorescence imaging setup did not cor-
relate 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. © 2007 Society of Photo-
Optical Instrumentation Engineers. �DOI: 10.1117/1.2743080�

Keywords: pharmacokinetics; fluorescence imaging; absorption spectroscopy; pho-
todynamic therapy; mTHPC.
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is a revision of a paper presented at the SPIE conference on Optical Diagnostics and
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eed� in SPIE Proceedings Vol. 6094.

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
damage,3 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., su-
perficial 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
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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 esteri-
fied ALA-Me, good tumor selectivity has been observed both
in animal skin tumor models and in human basal cell
carcinomas8,9 �BCCs�. However, the limited light penetration
of the activating light,10 the localization of the protoporphyrin
IX molecule within biological tissue,11 and the 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 to achieve treatment response.14

However, the hydrophobic mTHPC molecules form aggre-
gates in aqueous surroundings, leading to limited transporta-
tion of the sensitizer within biological media, tumor selectiv-
ity, and PDT efficacy.15–17 Gupta et al.18 reported on PDT
following topical mTHPC administration for treatment of Bo-
wen’s disease and BCCs. In this study, the overall pathologi-
cal tumor clearance was limited to 32% at the 2-month
follow-up. The authors suggest the method of topical sensi-
tizer 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 encap-
sulated 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
into liposomes, an increased oxygen consumption and de-
creased 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 monomeriza-
tion of the sensitizer,21 a different microlocalization within the
cells and an increased association with low density lipopro-
teins when incorporating the sensitizers into liposomes.21,22

In this paper, the sensitizer distribution following topical
application of a novel gel formulation containing liposome-
encapsulated mTHPC, referred to as mTHPC-gel, is investi-
gated in an animal skin tumor model. The drug-accumulation
interval in this study is restricted to 4 and 6 h, as clinically
relevant for topically applied PDT photosensitizers.23 In addi-
tion, the application of this new mTHPC formulation for sev-
eral hours is possible as the compound is supplied in a heat-
setting gel. Chemical extraction and noninvasive 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 ex-
traction as methods for quantifying sensitizer concentration.
The combination of a strongly fluorescing and absorbing PDT
agent and superficially located lesions makes fluorescence im-
aging and absorption spectroscopy attractive tools for nonin-
vasive studies of sensitizer concentration. These methods
have the additional advantage that they can provide informa-

tion in real time. 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 concen-
tration, especially within heterogeneous media. For the ab-
sorption spectroscopy data, the effect of varying tissue ab-
sorption can be handled by studying the total absorption
imprint of tissue and exogenous chromophore over a suffi-
ciently broad spectral interval.

In this work, imaging of the tissue and sensitizer fluores-
cence levels is performed utilizing a near-UV light source and
detection at a few selected wavelengths. The absorption spec-
troscopy 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 dipalmi-
toylphosphatidylcholine �DPPC�, monosaccharide, water, and
polyoxyethylene polyoxypropylene block copolymers and en-
capsulates the mTHPC �Ref. 25�. The mTHPC-gel is liquid at
the storage temperature of 4 °C but forms a highly viscous
gel when heated by the skin to temperatures above 26 °C.
The thermothickening 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 to 10 weeks old and weighing
30 to 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 radia-
tion as skin cancer promoter. Details on the procedure for
induction of skin carcinogenesis have been published by Kyri-
azi et al.26 Tumors first appear as benign papillomas, progress-
ing toward more malignant states, and finally developing into
basal �10%� and squamous �80%� cell carcinomas as deter-
mined after histopathological examination of representative
specimens. In the remaining 10%, no malignant transforma-
tion appears. This progress is consistent with previously de-
scribed studies in hairless mice.27 Here, tumor diameters
ranged between 0.2 and 1 cm, where mice with tumor diam-
eter greater than 1 cm were euthanatized for ethical reasons.
The study was carried out according to the guidelines estab-
lished by the European Parliament and Council Directive
2003/65/EC and the Greek Animal Ethics Committee.

Twenty microliters 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 h after mTHPC-gel ad-
ministration utilizing noninvasive optical techniques. Three
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animals with a total of 10 lesions and another three animals
with 5 lesions were investigated at the 4- and 6-h 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 mea-
surements were performed on all animals prior to administra-
tion of the mTHPC-gel. For all animals, application of the
sensitizer and optical measurements were performed under
general anesthesia �intraperiteneal �i.p.� injection of 20 �l of
�-hydroxybutiric lactone solution in 0.9% sodium chloride
�50:50, v:v��. Following the optical measurements at 4 or 6 h,
animals were killed by cervical dislocation and the tissue re-
gions previously treated with the mTHPC-gel were excised
for extraction measurements. In addition, the mTHPC concen-
tration 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 h after sensitizer
application in an attempt to follow the temporal mTHPC con-
centration profile within a single animal. However, prior to
the spectroscopic investigations at 1.5, 3, and 5 h, the tissue
regions had to be carefully cleaned to avoid measuring fluo-
rescence from mTHPC within the gel remaining only on top
of the skin surface. After the optical measurements at 1.5 and
3 h, another 20 �l of the mTHPC-gel was administered to
enable 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-�l ali-
quots of the sensitizer gel. After sacrificing the animal at the
5-h drug-light interval, the mTHPC fluorescence and absorp-
tion levels were also investigated throughout a vertical cut of
the two excised tumors 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-diam 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 excita-
tion light. All data was compensated for differences in spec-
tral response using a National Institute of Standards and Tech-
nology �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 be-
tween the two detection bands:

F =
I�654 nm� − Ibkg

I�500 nm� − Ibkg
, �1�

where I�654 nm� and I�500 nm� denote the fluorescence in-
tensity at the two wavelengths, and Ibkg is a constant back-
ground level originating from the dark current of the detector.

For this setup, the mTHPC detection limit was below
0.005 �M in liquid phantoms containing ink �Pelikan Fount
India Ink, Hannover, Germany� at volume concentrations of
0.35 to 1.05%, giving background absorption of
0.2 to 0.6 cm−1, and Intralipid �Fresenius Kabi, Uppsala,
Sweden� at volume concentrations of 2.8 to 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-�m-diam optical fiber and,
after interacting with the tissue, the transmitted light was col-
lected by a 200-�m-diam 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 de-
tector response were accounted for by taking a reference mea-
surement from a spectrally flat diffuse reflector based on
Spectralon material �Lab Sphere Inc., Cranfield, UK� in con-
nection to each measurement sequence.

For source-detector separations in the range
1.5 to 2.6 mm, the path length of the collected photons has
been shown to be relatively insensitive to variations in tissue
scattering.24 Therefore, 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 ab-
sorber, I2���= I���a+�a

0�, to that before, I1���= I��a
0�, is

given by28

R��� = − ln� I2

I1
�

= − ln� I���a + �a
0�

I��a
0� � = ��aLeff���a + �a

0� + B .

�2�

In Eqs. �2� to �6�, the wavelength dependence of the absorp-
tion coefficients and the transmission signals is omitted for
the purpose of clarity. Although the path length is insensitive
to scattering variations, the amount of collected light might
change between measurements and hence the appearance of
the factor B. Here, Leff���a+�a

0� denotes the effective path
length, which depends on the total absorption coefficient. To
determine this dependence, a nonsequential ray tracing soft-
ware package �ASAP 8.0.3, Breault Research Organization,
Tucson, Arizona� was used to track the pathlengths of col-
lected rays for a geometry matching the experimental setup.
For these simulations, the source and detection fibers, having
diameters as already stated and a numerical aperture of 0.22,
were separated by 2 mm. The scattering and anisotropy coef-
ficients were kept constant at 10 cm−1 and 0.9, respectively.
We simulated 167 million rays in the absence of absorption
and the optical path lengths Li for all detected rays were
stored. The effect of tissue absorption on the optical path
lengths was added to the simulation results and the effective
path length for different absorption coefficients was evaluated
by
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Leff��a� = −
1

�a
ln	


i=1

N

exp�− �aLi/n�

N
� . �3�

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 �a 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 path length 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 path length on the total absorption coefficient.

In earlier work, Eq. �2� was in fact evaluated from mea-
surements 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

I1 = I��a
60% water� = I�900 nm�

�exp�− Leff��a
60% water��a

60% water� ¯

�exp�− Leff��a
60% water�900 nm��

��a
60% water�900 nm�
−1, �4a�

where I�900 nm� is the detected signal at 900 nm. Further-
more, I2 is given by the detected signal and is described, as
before,

I2 = I���a + �a
0� = I���a + �a

60% water� . �4b�

Since both transmission signals originate from a single mea-
surement, the factor B is eliminated and Eq. �2� is modified to

R��� = − ln� I���a + �a
60% water�

I��a
60% water� �

= ��aLeff���a + �a
60% water� . �5�

The function “lsqnonlin” in MATLAB �MathWorks, Natick,
Massachusetts� was used to solve for ��a 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 evalua-
tion of the absorbance data were those of mTHPC, deoxy-
�Hb� and oxyhemoglobin31�HbO�. In addition, the mTHPC
fluorescence spectrum was included in the model since ex-
perimental work gave evidence that the shorter wavelengths
within the light source did induce detectable sensitizer fluo-
rescence 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.
Thus, ��a could be expressed as

��a = �cmTHPC�mTHPC + �cHb�Hb + �cHbO�HbO + AM���

+ 

i=0

2

�iCi�
i, �6�

where the �c’s denote concentration changes; the �’s are the
corresponding extinction coefficients; and M��� and A are the
sensitizer fluorescence spectrum and fluorescence amplitude,
respectively. The last summation on the right-hand side of Eq.
�6� was included to account for tissue autofluorescence over-
lapping the absorption signals. The number of components
within this summation was determined empirically by mini-
mizing the residuals returned by the algorithm. The magnitude
of M��� and the weights �i were chosen to match the mag-
nitudes of the chromophore extinction coefficients. For each
absorption spectrum, the SVD algorithm returned the chro-
mophore concentrations, i.e., the �c’s, the mTHPC fluores-
cence amplitude A, and the individual Ci’s. The �cmTHPC was
used to predict the mTHPC concentration from each measure-
ment. The sensitizer level was determined by the average
�cmTHPC from two to five absorption spectra acquired for
each animal, tissue type, and investigation time point, i.e., at 0
and 4 or 6 h. For the absorption spectroscopy data, the error
of the fit was quantified as

r = � 1

m − 1

�

�ymeasured,� − yfit,��2�1/2

, �7�

where the summation includes the spectral fitting interval
500 to 800 nm, and m denotes the number of data points
within this interval. In the case of negative sensitizer concen-
tration prediction, the mTHPC concentration was set to zero
and the error of the fit was reevaluated by only including
deoxy- and oxyhemoglobin in the SVD algorithm.

Figure 1�a� illustrates the different basis spectra used for
the SVD algorithm within the spectral fitting range. Figure
1�b� shows in vivo data from a lesion 4 h after sensitizer
administration together with the fit and the corresponding re-
siduals. For this measurement, the predicted concentrations
were 1.3, 11.6, and 8.9 �M for mTHPC, deoxy-, and oxyhe-
moglobin. The mTHPC fluorescence amplitude was +1.7
�10−6 a.u. �arbitrary units�. Note that the analysis of the ab-
sorption spectra assumes homogeneous medium. For this situ-
ation, 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 ��s�
�5 to 15 cm−1� and sensitizer concentration between 2 and
20 �M. The lower mTHPC detection limit was approxi-
mately 0.5 �M within the same set of liquid phantoms as
described in Sec. 2.3.

2.5 Extraction
Tissue samples, weighing 100 to 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 800 g �3000 rpm� for 20 min �EconoSpin,
Sorvall Instruments DuPont, Wilmington, Delaware�. The su-
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pernatant 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 in-
tensity at 652 nm was used to provide an absolute measure of
sensitizer concentration after appropriate calibration. Blood
samples were centrifuged at 360 g �2000 rpm� for 10 min to
separate out the plasma. Fifty microliters of plasma were
mixed with 2950 �l DMSO for further analysis according to
the same procedure as for the other organs. The lower detec-
tion limit for the extraction setup was 0.04 ng mTHPC/mg
tissue, which corresponds to approximately 0.06 �M assum-
ing 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:

R�x,y� =
cov�x,y�

�cov�x,x�cov�y,y��1/2 . �8�

Here, cov�x ,y�=E��x−mx��y−my��, 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 compari-
son 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 h after sensitizer application. The average mTHPC concen-
tration in lesions was 6.0 ng/mg tissue with a SD of
3.1 ng/mg. No significant difference could be identified be-
tween 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.

Figure 2 shows room-light and 654-nm fluorescence im-
ages of three lesions 4 h after application of the mTHPC-
containing gel. The temporal profile of the mTHPC buildup
assessed by the fluorescence imaging technique is shown in
Fig. 3�a�, where the averaged contrast function value is plot-
ted 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 the 4- but not the 6-h drug-light interval.
Only normal skin �n� indicated a significant difference be-
tween 4- and 6-h application times.

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 clar-
ity. 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.

Fig. 2 �a� Room-light image showing lesions and surrounding skin for
animal 3 and �b� fluorescence signal at 654 nm showing selective
accumulation of mTHPC.

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 deter-
mined by extraction for each lesion in six animals. �d� Scatter plot
illustrating the covariance between absorption and extraction data for
all lesions.
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As for the extraction data but in contrast to the fluores-
cence results, the absorption spectroscopy data revealed a se-
lective 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 buildup
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 oxyhemo-
globin extinction coefficients, and mTHPC fluorescence, re-
sulted 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 le-
sion, respectively. The fitting errors displayed no statistically
significant differences with tissue type and drug-light interval.

Figure 3�c� shows the extraction data for each individual
lesion, illustrating large intertumor 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 in-
fluenced by the differences in tissue composition. Figure 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-squares sense, whereas the dashed line represents the
ideal fit. The slope of the correlation curve was 1.2. The over-
estimation of the mTHPC concentration by the absorption
data is mostly due to the outlier at 
30 �M 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.

Figure 4�a� is a photograph of one excised lesion, approxi-
mately 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. Figure 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 posi-
tions, also showing the decrease in sensitizer concentration
with depth. Possibly due to the administration of a total of
three 20-�l aliquots of the mTHPC-gel, in vivo absorption
measurements on this lesion via the surface of the intact tu-
mor 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 sen-
sitizer depth penetration did not display significantly higher
mTHPC concentration as compared to the other lesions. How-
ever, some caution should be exercised when interpreting the
sensitizer depth distribution from Fig. 4.

4 Discussion
Topical application of ALA was successfully used in combi-
nation with superficial PDT of skin malignancies.7 By em-

ploying methyl esterified ALA-Me, an improved tumor
selectivity8 as well as homogeneous protoporphyrin distribu-
tion down to 2 mm in human BCCs �Ref. 9� was achieved.
However, protoporphyrin IX remains a PDT agent resulting in
relatively limited treatment efficacies.7,13

This paper reports on the first use of a topically applied
liposomal mTHPC-formulation in a nonmelanoma skin carci-
noma 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 prolonged photosensitivity, respectively. In this
study, significant sensitizer selectivity in lesions as compared
to skin with intact stratum corneum was observed from ex-
traction and optical absorption data for both 4- and 6-h 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. However, increased mTHPC fluorescence
was observed between the 4- and 6-h application times for
gel-treated normal skin with an intact stratum corneum, pos-
sibly due to the higher sensitivity of this setup. For the fluo-
rescence 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 h
for the present skin tumor model.

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 indi-
cated by the bright dashed lines. �c� Fluorescence contrast function
value along the thin dashed line in �b�. The dashed lines indicate the
average F value ±1 SD for all lesions. �d� mTHPC concentration as
measured by the absorption spectroscopy probe. Measurement posi-
tions are marked in �b�.
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The observed sensitizer distribution is likely due to differ-
ences 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 obser-
vations, Schmid and Karting state that intact liposomes pen-
etrate 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 re-
sults are in agreement with the increasing, although still low,
mTHPC levels found in normal mouse skin for the 6-h ad-
ministration time.

For tumor tissue, the large variations in mTHPC concen-
tration and the lack of significant differences between 4- and
6-h drug-light intervals could be due to a sensitizer buildup
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 micro-
molar range to depths of 3 to 4 mm. Similar results were re-
ported by Peng et al.,9 where good selectivity and homoge-
neous sensitizer distribution down to 2 mm in human BCCs
were observed following topical application of ALA-Me.
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 pen-
etration within this study.

The mTHPC levels observed within lesions in this study
are in the range shown to induce significant PDT effects once
irradiated at an appropriate wavelength.33 However, 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
result33 in vascularly targeted PDT, whereas longer time peri-
ods enable 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 with the extraction study, fluorescence imaging
and absorption spectroscopy were evaluated as noninvasive
methods for assessing sensitizer content in vivo. The fluores-
cence imaging setup has the advantage of being a more sen-
sitive tool than the absorption spectroscopy probe. Further-
more, the ability to image larger areas quickly provides
valuable information on the spatial sensitizer distribution.
However, for the range of optical properties found in biologi-
cal tissue, the effective penetration depth of the near-UV light
used for exciting the mTHPC fluorescence is of the order of a
couple of hundred micrometers, making the fluorescence im-

aging 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 dis-
played a heterogeneous structure, sometimes including super-
ficial areas of dark necrotic regions. The shallow investigation
volume in combination with sensitivity to the optically het-
erogeneous tissue could thus explain the lack of significant
correlation between extraction and fluorescence data.

In contrast to the fluorescence signal, the absorption spec-
troscopy data correlated rather well with the extraction re-
sults. 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 to 2 mm for the absorption probe,28 matching the depth of
skin tumors likely to be treated by PDT using topical irradia-
tion. 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. However, 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 abil-
ity of the absorption signal to account for varying tissue ab-
sorption. Finlay and Foster demonstrated a probe combining
white-light absorption with fluorescence spectroscopy to re-
cover the intrinsic tissue autofluorescence, i.e., the fluores-
cence spectra corrected for tissue absorption and scattering.35

By utilizing the absorption spectrum to assess the tissue opti-
cal properties, the corrected fluorescence signal would consti-
tute a more reliable fluorophore concentration estimate. A fur-
ther 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 absorp-
tion data in relation to the ideal fit in Fig. 3�d�. Furthermore,
the outlier at 
30 �M as measured by the absorption spec-
troscopy 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 with this discussion, note 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 path length, the fluorescence level is dependent on
the sample scattering for this source-detector separation. Al-
though this was not taken into account in the analysis process
as it was outlined in Sec. 2.4, including the fluorescence com-
ponent significantly improved the accuracy of the setup. By
simply excluding the sensitizer fluorescence component from
the analysis resulted in underestimation of the sensitizer con-
centration by a factor of 1.5 for the investigated lesions. Fur-
thermore, if also limiting the spectral fitting range to
630 to 750 nm to avoid the strong hemoglobin absorption
bands, the mTHPC concentration was underestimated by a
factor 2. We conclude that sensitizer fluorescence should be
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taken into account when utilizing the tissue absorption imprint
for absolute concentration estimates. A significant underesti-
mation has also been reported by Weersink et al. when utiliz-
ing a reflectance spectroscopy probe with multiple source-
detector fibers for determining AlPcS4 concentration in in
vivo rabbit skin.36 The underestimation of the sensitizer con-
centration by a factor of 3 was attributed the layered skin
structure and nonuniform AlPcS4 distribution. Within our
work, the investigated tissue was highly heterogeneous also
presenting a depth-dependent sensitizer concentration. There-
fore, these effects constitute another source of error as they
were not considered in our current evaluation of the optical
absorption signal, which assumes homogeneous medium.

In conclusion, we reported on the use of a topically admin-
istered 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 tu-
mor sensitizer concentration between the 4- and 6-h applica-
tion times. The more sensitive fluorescence setup indicated
optimal tumor selectivity for the 4-h drug-light interval. Fur-
thermore, the topical administration route led to low levels of
systemic photosensitization. Based on these results, this sen-
sitizer formulation and administration path would be interest-
ing to pursue for topical mTHPC PDT. Currently, a phase I
clinical trial has been initiated to study the feasibility of using
the mTHPC-gel for treatment of skin tumors.
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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 nonpigmented skin malignancies 
in humans. Intervals of 4 hr between drug administration and light irradiation were used. Sensi-
tizer distribution within tumor and surrounding normal skin was investigated by means of 
point monitoring and imaging fluorescence spectroscopy before, during, and after PDT, show-
ing high tumor selectivity. Furthermore, the bleaching of Temoporfin was studied during the 
PDT procedure by monitoring the fluorescence following excitation by using a therapeutic 
light. A 30–35% light-induced photometabolization was shown. No pain occurred during or af-
ter treatment. It was also observed that the treated area did not show any swollen tissue or red-
dening, as is often seen in PDT using topical δ-aminolevulinic acid. On controlling the patients 
one week after treatment, healing progress was observed in several patients and no complica-
tions were registered. 

KEY WORDS: mTHPC, PDT, basal cell carcinoma, fluorescence, bleaching, spectroscopic 
monitoring, Temoporfin topically 
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Fluorescence monitoring of a topically applied liposomal Temoporfin formulation and photodynamic
therapy of non-pigmented skin malignancies

BENDSOE ET AL. 

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 re-
gion to optimize light penetration within tissue.1 
Many of the sensitizers are selectively located in 
malignant cells due to a variety of biological rea-
sons2 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 de-
struction. The PDT outcome is governed by a 
combination of the effect of direct cell kill and in-
duction of apoptosis,3 vascular damage,4 and an 
elicited immune response.5  

The majority of photosensitizers are adminis-
tered systemically, which causes an unwanted side 
effect of skin sensitization. In PDT of certain types 
of skin abnormalities, topical application of a sensi-
tizer is preferable in order not to cause general skin 
sensitization. Topical administration of δ-
aminolevulinic acid (ALA) in combination with il-
lumination from a laser or a light-emitting diode 
with light doses in the range of 35 and 200 J/cm2 
has been successfully used for treatment of nonme-
lanoma skin malignancies over the past decades.6,7 
ALA is often supplied in a cream at a concentration 
of 20%, and application times range between three 
and six hours.8 During this time period, the ALA 
molecules diffuse into the tissue, followed by the 
synthesis of protoporphyrin IX (PPIX), which is 
the photodynamically active metabolite.2 Because of 
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 signifi-
cant selectivity between normal and malignant tis-
sue for shorter application times up to about three 
to six hours.2 The sensitizer distribution can easily 
be monitored via the characteristic PPIX fluores-
cence within the red wavelength region, thus mak-
ing optical methods highly desirable as noninvasive 

tools for sensitizer monitoring. 
For superficial basal cell carcinomas (sBCC), 

PDT following topical application of ALA has led 
to cure rates (CRs) of 79–100%.6 Although, for 
nodular lesions, the reported CRs 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 trials.9,10 ALA-
PDT also induces immediate posttherapy tissue re-
actions with swollen, reddening, and oozing skin.  

Due to the lipophilic character of ALA esters, 
these derivatives are expected to show better bio-
logical availability and tissue penetration than ALA. 
Peng et al. reported on a highly selective and ho-
mogeneous sensitizer distribution following topical 
administration of methyl δ-aminolaevulinate, Met-
vix®.11 A high tumor selectivity was observed by 
means of PPIX fluorescence both in animal skin 
tumor models and in human basal cell carcinomas 
(BCCs).12,13 On the other hand, as the PPIX mole-
cule is activated at slightly shorter wavelengths than 
many other PDT agents, the light absorption of 
hemoglobin limits the light penetration and treat-
ment depth to approximately a few millimeters.14 
Furthermore, the PPIX molecule itself presents 
some shortcomings in terms of the localization of 
the substance within the tissue,15 and the relatively 
low extinction coefficient of this sensitizer.16 These 
factors might limit the treatment outcome irrespec-
tive of which kind of ALA is used.6,17

Meso-tetra(hydroxyphenyl)chlorin (mTHPC) 
(INN: Temoporfin) has been reported as one of the 
most efficient sensitizers, since relatively small drug 
and light doses are required in order to achieve 
treatment response.18 Another advantage with Te-
moporfin 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 malignancies,19 pros-
tate,20 and for BCCs.21 A major drawback utilizing 
systemic administration of Temoporfin is the pro-
longed photosensitivity, subjecting patients to sub-
dued light conditions for several weeks following 
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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 formula-
tion, the sensitizer therefore forms aggregates, lead-
ing to limited transportation of the sensitizer within 
biological media as well as poor tumor selectivity 
and PDT efficacy.22–24 The above factors can also 
lead to an intense inflammation at the injection 
site.21  

To overcome the problem of the extended 
photosensitization associated with systemic admini-
stration of Temoporfin, Gupta et al. have reported 
on PDT combined with topical mTHPC admini-
stration for treatment of Bowen’s disease and 
BCCs.25 In this study, the CR was 32% at the two 
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 sensi-
tizer distribution studies following topical admini-
stration of a novel liposomal formulation of Te-
moporfin in a murine skin tumor model.26 For Te-
moporfin gel application times of four and six 
hours, the chemical extraction from different or-
gans revealed a selective accumulation of the sub-
stance within tumor tissue. The average sensitizer 
concentration within lesions was 6.0 ng/mg, 
whereas no detectable levels of generalized photo-
sensitivity 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 noninvasive methods con-
firmed the selective sensitizer distribution and indi-
cated 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 Te-
moporfin formulation is introduced for nonpig-
mented skin malignancies in patients. In this study, 
we include spectroscopic measurements in order 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 fa-
cilitated. The liposome encapsulated Temoporfin is 

supplied in a water-based heat-setting gel, rendering 
application times of several hours possible. Fluores-
cence 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. 

Material and Methods 

Sensitizer 

The sensitizer compound is comprised of a lipo-
somal formulation of mTHPC (Temoporfin) in a 
thermogel matrix with a sensitizer concentration of 
0.5 mg mTHPC/ml gel (Biolitec AG, Jena, Ger-
many). The liposome formulation is based on di-
palmitoylphosphatidylcholine (DPPC), monosac-
charide, water, and polyoxyehthylene polyoxypro-
pylene block copolymers encapsulating mTHPC.27 
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 thermothickening thus aids in increasing 
the retention time of the applied gel and transfer of 
the sensitizer into the tissue. No penetration enhan-
cers are added to the Temoporfin gel. 

Patients 

The Temoporfin gel was used for topical PDT of 
35 lesions in 10 consecutive patients in the ambula-
tory outpatient ward. The histopathology showed 
basal cell carcinoma for 29 and squamous cell car-
cinoma for the remaining 6 lesions. The gel was ap-
plied on the visible lesion and an additional margin 
of about 10 mm 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 per-
formed 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 doses; one with 40 
J/cm2 and one with 60 J/cm2. The optical fiber 
used for light delivery was equipped with a mi-
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crolens, giving a uniform irradiance adjusted to 100 
mW/cm2.  

Optical Measurements 

Point-monitoring fluorescence spectroscopy meas-
urements were performed pre- 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 cutoff filter, a 
spectrometer, and a cooled intensified CCD re-
cording fluorescence spectra in the range from 450 
to 800 nm.28  

In addition, a fluorescence imaging system was 
used to monitor the whole treatment site, including 
the surrounding normal skin margin prior to, during, 
and after 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 
mm focal length and f/1.8, Nikon). For the meas-
urements performed pre- and post-PDT, the excita-
tion light source consisted of 12 light emitting di-
odes 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 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, 
four regions with an area of about 0.2 mm2 were se-
lected, and the mean of the intensity within these 
regions was calculated. This procedure was per-
formed for the same four regions in the consecutive 
images. By normalizing the mean intensity for each 
image to the mean intensity at the start of the irra-
diation, a normalized temporal profile of the fluo-
rescence intensity was calculated. 

Results and Discussion 

The use and handling of the novel liposomal Te-
moporfin gel was very convenient since the gel was 
fluid only at the low storage temperature in the re-
frigerator. 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 or-
der to keep the gel in place during the four 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 four hour drug-
light interval was motivated by the results from a 

 
FIGURE 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 one week after, respectively. Remaining scar structures
are due to previous non-PDT treatments. 
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previous study in a murine skin tumor model.26 
Unlike ALA, mTHPC is a strongly fluorescing sub-
stance. Any Temoporfin gel remaining on the skin 
surface will thus cause a false non-tissue-uptake-
related fluorescence signal. Within this study, a 
careful cleansing of the skin was of importance in 
order to avoid influence by superficially located 
Temoporfin gel.  

Further comparison to ALA and its esters 
shows an advantage for Temoporfin-PDT in that it 
did not cause any discomfort to the patients. Previ-
ous work has reported that a majority of the pa-
tients experience painful sensations in the skin dur-
ing ALA-PDT.9 Our own clinical experience in-
cludes rare cases of patients feeling inclined to in-
terrupt 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 re-
lieve 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 pain.10 In the present 
Temoporfin study, none of the treated patients 
spontaneously complained about any pain. Also, on 
interviewing all 10 patients concerning their sensa-
tions during the treatment, no one reported on any 
pain, itching, or stinging, and all patients could fin-
ish the treatments without any complaints. As men-
tioned 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 pa-
tients. 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 in-
creased light dose also did not result in any incon-
venience for the patient. All the patients, treated 
with the novel Temoporfin formulation and PDT, 
were reviewed in order to record immediate post-
PDT reactions (Figs. 1B and 1C). 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 under-
gone Temoporfin-PDT. It was also noted that tu-

mor sites oozing or bleeding before the Temopor-
fin-PDT seemed to dry out during the first week 
following the treatment. Therefore, no posttreat-
ment 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 tu-
mor, the spectra shown are the average of data re-
corded 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 re-
corded 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 autofluo-
rescence shows very low intensity within the tumor 
area as well as in the tumor border zones.8 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 outstretch-
ing part of the tumor. Even if it is not histopa-
thologically proven, it is a clear indication to also 
include this part in the PDT-irradiated field to en-
hance the radicality of the treatment. After PDT, 
the substance-related emission is shown with a de-
creased intensity, which is a sign of photobleaching 
of the drug during 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) 
as 

[ ] [

[ ]

]λ 640-690 λ 640-690
diag

λ 470-520

mTHPC - Auto
=

Auto
C  
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FIGURE 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. 

 
FIGURE 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. 
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The function results in higher values in tumor, since 
the Temoporfin intensity is high and the autofluo-
rescence is low compared to normal tissue (Fig. 2). 
This contrast function is slightly different from a 
contrast based only on the Temoporfin fluores-
cence amplitude without taking into account the tis-
sue autofluorescence at this wavelength. Although 
the latter is perhaps more related to the sensitizer 
concentration and the PDT effect, Cdiag, was em-
ployed in the present work. The values of this con-
trast 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 mani-
fest normal skin (the outermost left point) is very 
high. It can also be noted that the effect of bleach-
ing due to PDT is substantial (about a factor of 2).  

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 im-

ages are normalized using the maximum intensity in 
the first image. It can be observed that the sensi-
tizer 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 gel.26 In that 
study, the increased penetration within lesions was 
ascribed to the absence of the stratum corneum, 
whereas an intact epidermis prevented normal skin 
from accumulating any detectable levels of the pho-
tosensitizer. Thus, the heterogeneous fluorescence 
signals observed within this study may reflect the 
status of the uppermost skin layers. A further ex-
planation of the heterogeneous Temoporfin distri-
bution might be the tumor growth pattern, since it 
is well known that BCCs grow in spots or patches 
with normal tissue intermixed within the tumor site, 
as illustrated in the photograph in Fig. 2.  

Fluorescence spectra acquired with the point-
monitoring setup are also presented before and af-
ter PDT (Fig. 4B). The spectra are normalized to 
the maximum of the autofluorescence from sur-

 
FIGURE 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. 
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rounding skin between 470 and 520 nm. Since the 
Temoporfin signal shows a very low intensity in 
surrounding normal skin, the spectra are shown 
also with a tenfold magnification. A tumor demar-
cation based on the diagnosis-related contrast func-
tion, 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 ma-
jority 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 surround-
ing tissue can clearly be seen.  

The laser light at 652 nm used for treatment 
also excites mTHPC fluorescence at 720 nm. Figure 
5A shows the mean relative fluorescence intensity 
over time for ten representative tumors following 
excitation by the therapeutic laser light. The photo-
degradation of Temoporfin as monitored at 720 nm 
can clearly be seen. A photobleaching of about 30–

35% is recorded after 200 s of therapeutic irradia-
tion (20 J/cm2), which concurs well with previously 
reported results for the photobleaching in mTHPC-
sensitized spheroids.29 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 fluo-
rescence images, detected at 720 nm following exci-
tation by the therapeutic light at 652 nm, also illus-
trate the treatment-induced photobleaching. An ap-
parent lower overall photobleaching can be ob-
served 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 irra-
diation has efficiently bleached away most of the 
photosensitizer, whereas the red excitation wave-
length also probes deeper into the tissue volume 

 
FIGURE 5. (a) Decrease of the normalized fluorescence intensity at 720 nm detected over time for ten tumors follow-
ing 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. 
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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. 

Conclusions 

In conclusion, we have reported a significant selec-
tivity between tumor and surrounding skin at four 
hours following administration of liposome-
encapsulated Temoporfin embedded into a thermo-
setting gel, constituting a novel Temoporfin formu-
lation for topical use. The uptake of the substance 
was monitored by point-monitoring as well as imag-
ing fluorescence spectroscopy. Fluorescence was 
induced either at 405 nm or by the treatment light 
at 652 nm. The bleaching of the sensitizer was es-
timated from the fluorescence levels by comparing 
the fluorescence images before, during, and after 
PDT. Furthermore, our initial results show that this 
new formulation is easily applicable due to its tem-
perature-dependent viscosity, rendering the gel to 
firm after application onto the lesions. The light il-
lumination is not connected with any treatment-
related pain or other adverse reactions. As com-
pared 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 le-
sions seemed to dry up after a few days. After these 
promising initial results, further studies are needed 
in order to understand the penetration of the Te-
moporfin in skin following topical administration. 
Furthermore, studies for following long-term tumor 
response are being planned.  
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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.  
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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 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, 
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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.  
 
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 
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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 
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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: "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); 

)500(
)653()653(

a
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IkI

R
⋅−

=          (1) 

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. 
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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(λ), 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. 
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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. 
 

 7

141



Tumor selectivity at short times following systemic administration of a liposomal Temoporfin formulation
in a murine tumor model

 
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. 
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 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 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).  
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 
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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 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 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. 
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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.  
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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) 

 
 
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. 
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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. 
 
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 
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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.  
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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, 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. 
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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 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 

 16

150



Paper III

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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Paper IV

Clinical system for interstitial photodynamic
therapy with combined on-line dosimetry measurements

Marcelo Soto Thompson, Ann Johansson, Thomas Johansson, Stefan Andersson-Engels,
Sune Svanberg, Niels Bendsoe, and Katarina Svanberg

A system for interstitial photodynamic therapy with �-aminolaevulinic acid and multiple optical fibers
has been developed. The system enables photodynamic treatment of large embedded tumor volumes and
utilizes real-time measurements to allow on-line dosimetry. Important parameters such as light fluence
rate, sensitizer fluorescence intensity, and changes in local blood oxygen saturation are measured with
the same fibers that deliver the therapeutic light. Data from the first clinical treatments on nodular basal
cell carcinomas indicate a major treatment-induced light absorption increase, rapid sensitizer photo-
bleaching, and a relatively constant global tissue oxygen saturation level during the treatment. © 2005
Optical Society of America

OCIS codes: 170.5180, 120.389, 170.6510, 170.1460.

1. Introduction

As malignant diseases continue to plague humanity,
much effort is put into trying to develop new and
better treatment modalities. One such method is pho-
todynamic therapy (PDT).1–3 PDT relies on the appli-
cation of a photosensitizer (or its precursor) followed
by the activation of the photosensitizer with light.
The activated sensitizer will react with the oxygen
present in the tissue forming highly toxic radicals
and will induce tissue necrosis or apoptosis. Since
most photosensitizers will accumulate to a higher
extent in malignant tissue than in healthy tissue, the
treatment targets the malignancies while sparing the
surrounding healthy tissue. The introduction of

�-aminolaevulinic acid (ALA) as a sensitizer precur-
sor, inducing protoporphyrin IX (PpIX) as a sensitiz-
ing agent, has led to a substantial increase in the
clinical acceptance of the method, especially for some
types of skin lesion where ALA PDT now can be
considered the treatment of choice.4–9

Use of PDT is usually considered to be limited to
thin ��3 mm� superficial lesions or lesions accessible
through body cavities. Thus, in an effort to extend the
possible indications for PDT, we present a system for
interstitial PDT (IPDT), where thick or embedded
tumors are treated using optical fibers inserted into
the tumor. IPDT has been pursued for many indica-
tions, for example, prostate,10 liver,11 and pancreatic
cancer12; and in this clinical or preclinical work it has
been stated that the main drawbacks of the method
as applied today are the limited light penetration and
the lack of a more precise light dosimetry. A special
aspect of the work performed in our group is to use
the optical fibers not only to deliver the therapeutic
light but also to perform optical measurements to
assess parameters of therapeutic interest and to
monitor the treatment progression. Examples of such
parameters are tissue oxygenation, light fluence rate,
and sensitizer fluorescence. The basic concept has
been previously described in more detail elsewhere13

and is schematically shown in Fig. 1. The develop-
ment of this concept has been pursued in incremental
steps14,15 with promising experimental16 and clinical
results.17

In the previous system14 it was possible to measure
the therapeutic light flux in the lesion but the system
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construction did not allow the measurements of other
parameters. The sensitizer fluorescence was in that
case assessed by using a separate fluorosensor18,19

with a separate measurement fiber. The novel ap-
proach20 reported in the present paper enables us to
perform light flux as well as sensitizer fluorescence
and oxygenation monitoring through the same fibers
that deliver the therapeutic light.

In Section 2 the construction of the new interactive
system is described, followed by a presentation of the
implementation of the dosimetry calculations and the
measurements of therapeutic interest. Finally, re-
sults from the first clinical application of the new
system are presented, and future development to-
ward a fully interactive system for IPDT is discussed.

2. System Description

A. Hardware Overview

The equipment is controlled by a laptop computer
with a custom-made program based on LabVIEW
(National Instruments, Austin, Texas). As shown in
Fig. 1, the central part of the system consists of a light
distribution module that determines whether the sys-
tem is running in therapeutic mode or measurement
mode. The system (except the computer) is enclosed
in a clinically compatible case measuring 30 cm �
43 cm � 21 cm �length � width � height� and weigh-
ing 12 kg (see Fig. 2).

The light distribution module consists of two metal
disks positioned at close proximity on a common axis
(see Fig. 3). One of the disks can be rotated on the axis
and has six fiber ports hexagonally placed at a fixed
distance from the axis. These fiber ports have con-
nectors where the patient fibers are attached. The
fixed disk has a similar set of fiber ports, with the
therapeutic light sources attached, facing the ports
on the turnable disk. During the therapeutic mode,
the light from the fiber-coupled light sources can be
directly transmitted through the light distribution
module into the patient fibers in a highly efficient

way. The maximum therapeutic output power dis-
tributed on the six patient fibers is approximately
1.2 W. These fibers have a core diameter of 400 �m,
a numerical aperture of 0.22, and an outer diameter
of 0.88 mm. Before each treatment session, the pa-
tient fibers are calibrated to emit equal output pow-
ers while in therapeutic mode.

For the measurement mode the turnable disk is
rotated 30 deg. The fiber ports on the turnable disk
now face another similar set of fiber ports on the fixed
disk. Now the light distribution module serially cou-
ples one of up to three measurement light sources (in
our case two) into one of the patient fibers, as shown
in Fig. 4. These light sources are selected with a
coupling unit that can be of a similar construction as
the main light distribution module. The two light
sources used are a diode laser at 635 nm and a light-
emitting diode covering the wavelength interval from
750 to 800 nm. The third light source (not imple-
mented) might, for example, be a violet diode laser
emitting light at 405 nm to monitor the PpIX fluo-
rescence before the therapeutic irradiation starts,
which would enable the possibility to interactively
insert the fibers where the PpIX concentration is the
highest. The mechanism behind the light distribution
modules is stable enough to allow for accurate repo-
sitioning, which means that the output power in each
of the six patient fibers while in diagnostic mode is

Fig. 1. Schematic diagram of an interactive system for IPDT.

Fig. 2. System as seen in a clinical treatment situation and sys-
tem overview during calibration.

Fig. 3. Interactive IPDT system shown in the treatment mode.
The disks in the light distribution module are placed in close
proximity (here drawn apart) to each other on a common axis (not
shown). The therapeutic light is coupled through the disks into the
patient fibers. The components used in the measurement mode
were omitted for clarity.
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similar ��10%�. The measurement light interacts
with the tissue and is collected by the other five pa-
tient fibers. This light is guided back through the
light distribution module that now redirects the light,
by way of the measurement detection fibers, onto the
entrance slit of an imaging spectrometer. The detec-
tion fibers are aligned linearly along the entrance slit
of the spectrometer, and the collected light can there-
fore be resolved as five individual signals for each
light source. After collecting a signal with sufficient
signal-to-noise ratio from each light source, the light
distribution module shifts the transmitting mea-
surement fiber to each and every one of the patient
fibers. The resulting number of data sets for every
measurement session is 60 �2 light sources � 5
detection fibers � 6 excitation fibers�. One full mea-
surement session lasts for approximately 45 s.

B. Dosimetry Calculations

The fluence rate ��r� in the treatment volume is de-
termined by solving the steady-state diffusion equa-
tion21:

�2�(r) � �eff
2�(r) � �

i
S(ri), (1)

where �eff � �3�a��a 	 �s���1�2; here �a and �s� are the
effective attenuation, absorption, and reduced scat-
tering coefficients (see Table 1).22 The source term

S�ri� is modeled as isotropic point sources, denoted
by the index i. In the case of superficial lesions, the
extrapolated boundary condition is used to solve Eq.

(1).23 A commercial program (FEMLAB, Comsol, Swe-
den) is used to model the fluence rate distribution
with the finite-element method. The tumor geome-
tries are approximated with either ellipsoids or flat
cylinders with an elliptical cross section. To give a
fluence rate distribution within the tumor that is as
homogeneous as possible, while sparing normal sur-
rounding tissue, the fibers are placed in either one or
two planes depending on the tumor thickness and at
a distance from the tumor center of approximately
7�10 of the tumor radius. This distance has been
determined by maximizing the fluence rate, as given
by the analytical solution of the diffusion equation in
an infinite homogeneous medium, at the boundary of
an ellipsoid. On the basis of the fluence rate distri-
bution, the absorbed dose throughout the tumor vol-
ume is calculated. With a threshold �15 J�cm�3� for
the absorbed light dose considered sufficient to in-
duce cell necrosis, an estimate of the necessary treat-
ment time is calculated.14 This prediction is
dependent on fiber positions, tissue optical proper-
ties, and choice of threshold for the absorbed light
dose.

C. Treatment Monitoring Measurements

As described above, the treatment is repeatedly in-
terrupted to perform measurements to monitor the
treatment. First, the fluence rate at 635 nm of the
light emitted by each fiber is measured at the tip of all
the other fibers. This measurement monitors the
transmittance of the tissue during the treatment.
Drastic changes in light transmission as a conse-
quence of, e.g., blood coagulation or bleeding at the
fiber tips can then be detected and an insufficient
treatment may thus be prevented. The measure-
ments make it also possible to compensate for
treatment-induced variations in light transmission.
Second, the sensitizer fluorescence at 705 nm in-
duced by the measurement light source at 635 nm
and its characteristic photobleaching are monitored
during the treatment.24 The final parameter mea-
sured is the oxygen saturation level SO2

defined as

SO2
�

[HbO2]
[Hb] 	 [HbO2]

, (2)

with �HbO2� and [Hb] denoting the oxyhemoglobin
and deoxyhemoglobin concentrations, respectively.
Assuming that hemoglobin is the main absorbing tis-
sue constituent, the absorption coefficients at 760 and
800 nm can be written as25

�a
760 � �Hb

760[Hb] 	 �HbO2

760 [HbO2],

�a
800 � �Hb

800[Hb] 	 �HbO2

800 [HbO2], (3)

where �i
X is the extinction coefficient of species i at

wavelength X. By utilizing Eqs. (2) and (3), the oxy-
gen saturation can eventually be expressed as

Table 1. Optical Parameters of Normal Tissue and Tumor Used

Tissue Type
�a

�cm�1�
�s�

�cm�1�

Normal 0.16 12.0
Tumor 0.31 12.4

Fig. 4. Interactive IPDT system shown in the measurement
mode, assessed by rotating the turnable light distributor disk 30
deg with respect to the disk position for treatment. Nonactive
measurement light sources are shown in gray. The active light
source is coupled into one patient fiber while the other five patient
fibers collect the tissue response back into the spectrometer. By
rotating the turnable disk in steps of 60 deg, all patient fibers can
be made to act as transmitters for the individual light sources. The
therapeutic components were omitted for clarity.
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SO2
�

1

�Hb
760 � �HbO2

760 ��Hb
760 � �800

�a
760

�a
800�, (4)

utilizing that the extinction coefficients of Hb and
HbO2 are equal at the isobestic point at 800 nm.25

Using the second diagnostic light source, the overall
absorption can be monitored in the spectral interval
between 750 and 800 nm. The fluence rate from the
source fiber is approximated by the analytical solu-
tion to Eq. (1) for a point source in an infinite me-
dium:

�(r) �
P�eff

2

4
�ar
exp(��eff

r), (5)

where P is the power irradiated by the source fiber.
By measuring the fluence rate with several detection
fibers at different distances from the source fiber and
fitting a curve to the measured values, �eff can be
extracted both for 760 and 800 nm. Finally, by form-
ing the ratio

��eff
760

�eff
800�2

�
�a

760(�a
760 	 ��s

760)

�a
800(�a

800 	 ��s
800)

	
��s

760

��s
800

�a
760

�a
800, (6)

and inserting this into Eq. (4) we can calculate the
oxygen saturation level. The last step in Eq. (6) is
valid under the assumption that the reduced scatter-
ing coefficient is much larger than the absorption
coefficient. The ratio of the reduced scattering coeffi-
cients can be calculated by assuming the following
wavelength dependence of the tissue scattering26:

�s� � ��1.11. (7)

On the basis of the result of the latter measurement,
a fractionized irradiation might be necessary to allow
for an increased oxygen inflow to the treated region.
The oxygenation data evaluation method is similar to
the method used for a commercial product by
Hamamatsu, C7473-36, in the sense that they both
explore the absorption imprint of hemoglobin on the
transmitted signal.

3. Patients

A total of ten treatments in eight patients were per-
formed. The patients treated had histopathologically
verified nodular basal cell carcinomas and were re-
ferred to the oncology clinic at the Lund University
Hospital, Lund, Sweden. The clinical motivation of
the study was to reduce the tumor volume prior to
surgery or other conventional treatment. The study
was performed with approval of the local ethics com-
mittee. At the time of treatment the tumor geometry
was determined visually and by palpation by an ex-
perienced oncologist. The lesion was photosensitized
by mixing ALA (MEDAC GmbH, Hamburg, Ger-
many) into an oil-in-water emulsion (Essex Cream,
Schering Corp., Kenilworth, New Jersey) to a concen-

tration by weight of 20%, which was applied to the
lesion 4�6 h before the therapeutic irradiation. The
lesion was prepared according to clinical praxis by
disinfecting the treatment area and subsequently ad-
ministering Xylocain (AstraZeneca, Södertälje, Swe-
den) subcutaneously as anaesthetics. The sterilized
fibers were inserted and subsequently fixed in a
holder that in turn was attached to the patient
stretcher.

4. Results

To show the capability of the instrument to measure
parameters of therapeutic importance, typical data
from an 80-year-old patient with a basil cell carci-
noma are presented as a case study. The geometry of
the lesion was found to be approximately cylindrical
with a diameter of 14 mm and a depth of 3 mm. An
output power of 75 mW for each of the six patient
fibers resulted in an initial estimated treatment time
of 400 s.

A. Light Fluence

In Fig. 5 the fluence rates at 635 nm as measured
during the treatment are shown. To clearly resolve
changes in the light transmission despite the differ-
ent magnitudes of the detected signals from the var-
ious fibers, all signals were normalized to their
respective initial value. In Fig. 5(a) treatment fiber 1
acts as the light transmitter and fibers 2–6 serve as
detectors. In Figs. 5(b)–5(f) the light transmitter is
fibers 2–6, respectively.

It can be seen that the light transmission between
the fibers decreases during the treatment, and a sim-
ilar trend was established during all but two treat-
ment sessions. In some cases this transmission
decrease is much more pronounced, as can be seen in
fiber 3 in Fig. 5(f). This fiber was characterized by a
significantly lowered transmission as compared with
the other fibers during the entire treatment, al-
though the magnitudes of the detected and transmit-
ted signals were not significantly lower than the
other transmission signals. This decrease could pos-
sibly be explained by either some local inhomogene-
ity, for example, a blood vessel, or that the distance
between this fiber to the others was much larger than
the distance between the other fibers. Hemorrhage at
the fiber tip was not believed to cause this particular
transmission decrease since blood pooling would have
significantly decreased the magnitude of the trans-
mission signal.

The six treatment lasers were turned off after 400 s
at the predicted treatment time; however, the fluence
rate, sensitizer fluorescence, and oxygenation mea-
surements were carried out for another 320 s. Ac-
cording to, e.g., Fig. 5(b), some regions show a slight
reversal of the treatment-induced absorption in-
crease after the therapeutic irradiation has ended.

Assuming that the transmission changes are due to
changes in tissue optical properties, the degree of
transmission decrease depends on the interfiber dis-
tances. This is also reflected in Figs. 5(a)–5(f) where
signals between fibers with the largest separations
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show a more marked transmission decrease. If only
including neighboring fibers, positioned in such a
way that the interfiber distances are equal, the aver-
age transmission decrease was found to be 39% for
this particular patient. A significant transmission de-
crease was found in seven of nine treatment sessions,
where the significance was tested using a one-sided
Student’s t-test �P � 0.02�. The average transmission
decrease was 24% when taking into account data
from nine treatment sessions, although an average
decrease of 60% was found during one treatment ses-
sion. Data from one of the treatment sessions were
excluded from the analysis since the optical fibers lost
their positions when the patient started coughing.

B. Sensitizer Fluorescence

The sensitizer fluorescence, induced with 635 nm
light, measured at 705 nm as a function of the treat-
ment time is shown in Fig. 6. The detected signals
measured in each and every fiber were individually
normalized to their respective initial value. Figure 6
shows the average of these normalized signals be-

tween neighboring fibers with the error bars denoting
standard deviations (SDs). The reason for including
only the fluorescence signal as measured in between
nearby fibers is to obtain a photobleaching curve that
is not influenced by the varying fiber separations.
Note that the absorption increase as seen in Subsec-
tion 4.A was not compensated for when we plotted
this average fluorescence signal.

The fluorescence level decreased to 22% of the ini-
tial signal for this particular treatment session, as
compared with an average decrease to 15% of the
initial level for the nine completed treatments.

C. Tissue Oxygenation

The final parameter monitored during the treatment
is the local tissue oxygenation, and the average oxy-
gen saturation level ��SD� during the treatment ses-
sion is shown in Fig. 7. The vertical dashed line at
400 s indicates the time point when the therapeutic

Fig. 5. Fluence rate at 635 nm as measured during the treatment.
The time interval between measurement sequences was 30 s for the
first 90 s of treatment; thereafter measurements were performed
every minute up to an effective treatment time of 720 s. The end of
the therapeutic irradiation is indicated by the dashed line.

Fig. 6. Average of the normalized sensitizer fluorescence signal
��SD� at 705 nm during treatment. The therapeutic irradiation
was turned off after 400 s, indicated by the dashed line.

Fig. 7. Tissue oxygenation ��SD� as a function of the treatment
time as measured during one treatment. The therapeutic irradia-
tion was turned off after 400 s, indicated by the vertical dashed
line. The horizontal dashed line indicates the 50% tissue oxygen
saturation level.
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irradiation was turned off, whereas the horizontal
dashed line marks the 50% oxygen saturation level.

Data from all treatment sessions show that the
average initial oxygen saturation level was 77% and
no significant changes could be observed, apart from
an indication of a small initial fast reduction, during
the treatments. The significance level was tested us-
ing a Student’s t-test at significance level P � 0.01.
Lesions located in the face displayed slightly higher
oxygenation levels than those located on the lower
extremities, although these differences were not sig-
nificant.

5. Discussion

PDT relies on the presence of three components:
light, sensitizer, and oxygen; and in this study much
effort has been put into monitoring these parameters
in parallel to the treatment session to supervise and
hopefully in the future be able to control the treat-
ment progression. Here we describe the implementa-
tion of a system for IPDT using up to six treatment
fibers for light delivery. The same fibers can be used
for real-time monitoring of the fluence rate, the sen-
sitizer fluorescence, and the tissue oxygenation al-
lowing for on-line treatment supervision. In addition,
by the monitoring of these parameters, possible cor-
relations can be studied, which might add useful
knowledge in the field of cancer treatment by means
of PDT. One example of such a correlation is the
higher rate of initial PpIX photobleaching in well-
oxygenated tissue regions, a process that supports
the idea of an oxygen dependence of the sensitizer
bleaching.27 Since a stable oxygen supply promotes
an effective PDT treatment, other groups have pro-
posed monitoring of the sensitizer fluorescence as a
possible real-time treatment feedback.24 Soumya and
Foster have shown a 3- to 15-fold increase in light
penetration at 630 nm when comparing a hypoxic to
a well-oxygenated tissue phantom containing human
erythrocytes, an effect that is explained by the stron-
ger absorption of deoxyhemoglobin as compared to
oxyhemoglobin at 630 nm.28 This result implies that
there is a strong connection between oxygen satura-
tion level and tissue transmission. Conversely, a high
fluence rate leads to oxygen depletion,29 which in
turn affects the photobleaching rate.

Addressing the fluence rate measurement, a signif-
icant absorption increase was found in seven of nine
treatment sessions. Other groups have also reported
on treatment-induced light transmission decrease in
tissue during PDT. Chen et al. have observed 40%–
80% reduction in fluence rate in normal canine pros-
tate and give alterations of the local blood flow and
perfusion as possible explanations.30 Using an inte-
grating sphere measurement setup, Nilsson et al.
found a 60%–100% increase in the absorption coeffi-
cient after PDT of normal rat muscle sensitized with
ALA-induced PpIX.31 These authors argue that the
increase in tissue absorption is due to damage to the
tissue microcirculation. Other explanations include
local hyperthermia, bleeding at the fiber tips,32 and
tissue deoxygenation as a consequence of the oxygen

consumption by the photodynamical reaction.28 Fur-
ther evaluation of our data indicates that the light
transmission changes are in fact due to tissue deox-
ygenation and changes in blood volume, and these
results will be part of a future publication.33

The PDT-induced absorption increase causes the
delivered light dose at the end of the treatment to fall
below the calculated threshold dose and therefore
prevents the peripheral tumor regions from being
fully treated. On the basis of the dosimetric measure-
ment, an interactive treatment could easily be imple-
mented by prolonging the treatment time or
increasing the fiber output power to compensate for
the decreased light penetration. It should also be
mentioned that, although the observed transmission
decrease is present in all but two patients treated so
far, the degree of transmission decrease varies on an
interpatient basis. It is therefore necessary to moni-
tor these changes during each individual treatment
session and adjust the treatment parameters accord-
ing to the measurement results.

Monitoring the sensitizer photobleaching is of
course essential, since according to Robinson et al.27

and Boere et al.34 a strong correlation exists between
the initial sensitizer photobleaching rate and the
treatment outcome. This signal could be of impor-
tance for early-stage treatment feedback, but exactly
how the treatment should be modified as a result of
this information has to be studied in more detail. One
should note that our indirect method of monitoring
the tissue oxygen saturation assumes that there is a
connection between the concentration of free oxygen
molecules and the oxygenation level of the tissue.35

Results from all treatment sessions show no signif-
icant variations in tissue oxygen saturation, although
a small initial decrease in oxygenation could be ob-
served in all patients. The evaluation method of the
near-infrared spectra is based on determining the
effective absorption coefficient by means of spatially
resolved spectroscopy and therefore relies on signals
measured between all possible fiber combinations.
This means that the light transmission is measured
across the entire tumor geometry, which involves
large source–detector separations and the signals
can therefore be used only for determination of the
global tissue oxygen saturation. Oxygen depletion is
a local process and initially occurs close to the fiber
tip, where the fluence rate is highest. Curnow et al.36

and Woodhams et al.37 have shown that, close to the
source fiber, the photodynamic reaction induces a
dramatic decrease of the oxygen saturation as mea-
sured either by means of tissue oxygen pressure �pO2

�
or visible light spectroscopy. When increasing the
source–detector separation, this effect was less obvi-
ous and no changes were observable for source–
detector separations of 3 mm or larger for continuous
irradiation at 100 mW. Comparing continuous with
fractionated irradiation, a significant decrease in ox-
ygen saturation level was found only where the de-
tection point fell within the area of necrosis. The
authors speculate whether the light delivery condi-
tions can be optimized based on real-time oxygen
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monitoring, leading to improved treatment outcome.
The herein proposed global method of data evalua-
tion might explain the lack of significant changes in
measured tissue oxygen saturation since data eval-
uation is based on source–detector separations of
5�8 mm. Possibly, the treatment time or fiber output
power was not sufficient to induce necrosis in the
entire interfiber volume. Furthermore, the large
source–detector separation makes the method sensi-
tive to tissue inhomogeneities. Data evaluation based
on single fiber pairs gives a more local measure of the
tissue oxygen saturation and will be part of a future
publication.33 The oxygen saturation level reported
here, which might be described as an average over
the entire tumor volume, is in agreement with oxy-
genation baseline levels reported on by others.26 The
lower limit for the tissue oxygenation for an effective
treatment is an issue that has been debated in both
PDT and radiotherapy.7,38 Using the instrument re-
ported here, this will be a question that we will ad-
dress in future work.

The calculation of the tissue oxygenation level as
well as the derivation of changes in tissue optical
properties that are consistent with the light trans-
mission changes depend on the exact positioning of
the fibers. Knowledge of the exact fiber positions
would avoid this source of error and make the data
evaluation more stable. Ultrasound monitoring has a
high enough spatial resolution to detect the optical
fiber tips, and this mode of guiding and determining
the fiber positions is already in use in IPDT of the
prostate.39,40 Ultrasound guidance during fiber inser-
tion is therefore an attractive possibility for future
treatment sessions.

The evaluation of the oxygen saturation signal as-
sumes that deoxyhemoglobin and oxyhemoglobin are
the only tissue constituents whose absorption might
change during the treatment session. The observed
absorption increase might be influenced by concen-
tration changes of other tissue chromophores, such as
water resulting from treatment-induced oedema.

The oxygen saturation signal can be used to mon-
itor the possible need of a fractionated irradiation.
Because of the introduction of the measurement se-
quences that interrupt the therapeutic irradiation,
some irradiation fractionation with dark intervals of
45 s is already implemented. Fractionated irradia-
tion enables some reperfusion of the treatment vol-
ume and has been shown to increase treatment
response.41 Therefore these signals are important for
improvement of the treatment outcome. Future work
includes implementing such therapeutic feedback
based on real-time data analysis of the monitoring
measurements to make the treatment truly interac-
tive. Transmission changes, which might affect the
tissue volume being treated, can easily be followed
and compensated for by changing treatment time or
fiber output power. When six patient fibers are used,
the fluence rate measurements as exemplified in Fig.
5 result in 30 light transmission signals since five
fibers are used to detect the transmitted light from
one source fiber, and this procedure is repeated for all

six patient fibers. This set of light transmission sig-
nals can also be used for low-resolution tomography
of the flux in the tissue being treated.42 Likewise the
30 fluorescence and 30 white-light penetration data
sets will be used to construct a tomographic presen-
tation of sensitizer and oxygen levels, respectively.

Using the light transmission signals between pa-
tient fibers, it is possible to calculate the tissue effec-
tive attenuation coefficient for each individual
patient. In the future, this information could be used
as input to the light distribution modeling performed
prior to the therapeutic light delivery, resulting in a
more accurate treatment time prediction.

For the possible use of other sensitizers, it is easy
to replace the six therapeutic laser diodes with units
of a suitable wavelength. Furthermore, by use of the
option of a third diagnostic light source, flexibility for
inducing fluorescence in a large variety of sensitizers
is maintained.

6. Conclusion

We have reported on the construction of a system for
IPDT of solid tumors, and the initial clinical results
have been presented. Future work will involve imple-
menting a full model for interactive treatment based
on the real-time monitoring of fluence rate, sensitizer
fluorescence, and blood oxygenation. Also, improving
the fiber positioning system with ultrasound guid-
ance, several other indications, for example, lesions
in the gastrointestinal tract, lie within the foresee-
able future of this system.
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Abstract. A system for interstitial photodynamic therapy is used in the
treatment of thick skin tumors. The system allows simultaneous mea-
surements of light fluence rate, sensitizer fluorescence, and tissue oxy-
gen saturation by using the same fibers as for therapeutic light deliv-
ery. Results from ten tumor treatments using �-aminolevulinic acid
�ALA�-induced protoporphyrin IX show a significant, treatment-
induced increase in tissue absorption at the therapeutic wavelength,
and rapid sensitizer photobleaching. The changes in oxy- and deoxy-
hemoglobin content are monitored by means of near-infrared spec-
troscopy, revealing a varying tissue oxygenation and significant
changes in blood volume during treatment. These changes are consis-
tent with the temporal profiles of the light fluence rate at the thera-
peutic wavelength actually measured. We therefore propose the ob-
served absorption increase to be due to treatment-induced
deoxygenation in combination with changes in blood concentration
within the treated volume. A higher rate of initial photobleaching is
found to correlate with a less pronounced increase in tissue absorp-
tion. Based on the measured signals, we propose how real-time treat-
ment supervision and feedback can be implemented. Simultaneous
study of the fluence rate, sensitizer fluorescence, and local tissue oxy-
gen saturation level may contribute to the understanding of the thresh-
old dose for photodynamic therapy. © 2006 Society of Photo-Optical Instrumen-
tation Engineers. �DOI: 10.1117/1.2204027�

Keywords: photodynamic therapy; �-aminolevulinic acid; absorption spectroscopy;
protoporphyrin IX fluorescence; photobleaching.
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1 Introduction
In the search for new modalities for cancer treatment, photo-
dynamic therapy �PDT� has shown promising results in terms
of selectivity and efficacy.1 PDT relies on the presence of a
photosensitizing agent which, once activated by light of the
appropriate wavelength, generates cytotoxic species, mostly
singlet oxygen and other reactive oxygen species. Tissue de-
struction is caused by a combination of immediate cell death
and apoptosis induced by these radicals and indirect damage

to the vascular system.2,3 One commonly used photosensitiz-
ing compound is protoporphyrin IX �PPIX�, generated by
�-aminolevulinic acid �ALA�.4 ALA-mediated PDT has been
successfully used in the treatment of superficial lesions in the
bladder, bronchus, aerodigestive tract, and skin, e.g., for the
treatment of actinic keratosis.5

In an effort to extend PDT beyond that of treating super-
ficial lesions or thin lesions easily accessible through body
cavities, several research groups have investigated interstitial
light delivery via optical fibers.6–9 In addition to facilitating
the treatment of thick and deeply lying tumors, interstitial
light delivery via multiple fibers also allows for the treatment
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of irregularly shaped lesions while sparing normal surround-
ing tissue. To optimize the biological effect, accurate dosim-
etry needs to be implemented. A comprehensive dosimetry
model could be based on detailed knowledge of the three
parameters of importance in PDT: the fluence rate distribu-
tion, the sensitizer concentration, and the tissue oxygenation
within the volume of interest.10

Studies aimed at correlating the treatment response to the
total light dose alone in ALA-mediated PDT have shown
varying success,11–13 whereas better correlation has been
found between PDT-induced damage and therapeutic light
irradiance.12,14 Higher irradiances have been shown to lead to
smaller treatment volumes, an effect that has been explained
by oxygen depletion.15,16 In addition, a good correlation has
been found between the initial rate of sensitizer photobleach-
ing and treatment outcome.11,12,14 The kinetics of PPIX pho-
tobleaching has shown a fluence rate dependency, in that a
higher irradiance leads to a less pronounced loss of fluores-
cence and lower initial photobleaching rate.14,17 Since PPIX
photobleaching is suggested to be an oxygen-dependent pro-
cess, during which PPIX is transformed to various
photoproducts12,17 that are also photobleached, these results
support the hypothesis of oxygen depletion as a result of too
high irradiances. It has been suggested that monitoring the
bleaching via fluorescence spectroscopy could be a useful do-
simetric tool in photodynamic therapy.18 In addition, studies
by Mitra and Foster have shown up to 15 times higher
630-nm light transmission at 1 cm depth when comparing a
hypoxic to a well-oxygenated tissue phantom containing hu-
man erythrocytes.19 These results further emphasize the dis-
advantage of inducing tissue hypoxia during PDT, since not
only is the photodynamic reaction prevented, but deoxygen-
ation also limits the light penetration within the tumor vol-
ume. Based on the work quoted, there seems to be a close
interdependence between treatment outcome, sensitizer pho-
tobleaching, therapeutic light fluence rate, and tissue oxygen-
ation. Adopting the ideas of an implicit dosimetry model for
PDT, according to Wilson, Patterson, and Lilge,10 there is a
great need to intercorrelate these parameters and compare
them to treatment outcome in clinical studies. In an implicit
dosimetry model, one single parameter, e.g., the sensitizer
photobleaching kinetics, is used to quantify PDT dose. Such a
model has been formulated in contrast to explicit dosimetry,
where the PDT dose is based on all three variables—light,
sensitizer, and oxygen—necessary for the photodynamic reac-
tion to take place.

We have recently reported on the construction of, and ini-
tial clinical treatment using an instrument for, interstitial pho-
todynamic therapy �IPDT�, which allows for diagnostic mea-
surements to monitor treatment progression.20 The present
work reports on the results from the first ten clinical treat-
ments, where changes in light transmission, sensitizer pho-
tobleaching, and tissue oxygen saturation level are monitored
throughout the treatment. The study was aimed at monitoring
the interplay between treatment-induced changes in absorp-
tion of the therapeutic irradiation, the sensitizer photobleach-
ing, and the tissue oxygenation. The ultimate goal of simulta-
neous monitoring of parameters of dosimetric importance is
the development of a dosimetry model for photodynamic
therapy, taking into account spatial and time-resolved studies

of the total light dose delivered, the sensitizer concentration,
and the oxygen availability.

2 Materials and Methods
2.1 Patients and Treatment Procedure
An instrument for interstitial photodynamic therapy has been
developed in which a maximum of six bare-end optical fibers
are used to deliver the therapeutic light to the tumor mass.
The same fibers can also be used to measure relevant dosim-
etry parameters during the treatment session. The clinical mo-
tivation for the treatment in this study was to reduce the tumor
volume by means of interstitial photodynamic treatment prior
to surgery. The study included eight patients with thick ma-
lignant skin lesions, within the approval by the Local Ethics
Committee at Lund University Hospital. Six lesions were di-
agnosed as nodular basal cell carcinomas, whereas the re-
maining lesions were diagnosed as squamous cell carcinoma
and keratoacanthoma/squamous cell carcinoma. Two of the
patients diagnosed with basal cell carcinomas underwent two
treatment sessions, resulting in a total of ten treatments. Table
1 lists detailed data concerning each patient and treatment. No
controls, i.e., fiber insertion and light delivery without drug,
were included because of restrictions posed by the ethical
approval.

The tumor geometry was determined visually and by pal-
pation by an experienced oncologist at the time of treatment.
After removing possible crust and the stratum corneum over-
lying the lesion to facilitate the drug penetration, the lesion
was photosensitized by ALA-methyl-esterified �ME� �methyl-
esterified aminolevulinic acid, Medac GmbH, Hamburg, Ger-
many� mixed into an oil-in-water emulsion �Essex Cream,
Schering Corporation, Kenilworth, New Jersey� to a concen-
tration by weight of 20%, which was applied topically with a
10-mm margin to the lesion 4 to 6 h before the therapeutic
irradiation. Three patients were also given ALA intratumor-
ally 30 min prior to the treatment by injecting 1 to 2 ml of a
solution made from 1.5-g ALA powder dissolved in 10-ml
0.9% saline buffer at several sites within the more deeply
lying tumor part.

After disinfecting the treatment area, Xylocain �AstraZen-
eca, Södertälje, Sweden� was administered subcutaneously as
an anesthetic. The distal end of six sterilized optical fibers,
hereafter referred to as the patient fibers, were inserted into
the tumor mass at predetermined positions. Before commenc-
ing the therapeutic irradiation, one of these fibers was care-
fully translated stepwise throughout the tumor depth to con-
firm the presence of PPIX at up to four different depths by
means of laser-induced fluorescence excited at 405 nm. The
plastic coating of the fibers made them rigid enough not to
deflect during insertion, and no metal needles guiding the fi-
bers during insertion were needed. The fiber holder, consisting
of one flexible metal-wire arm for each patient fiber, held the
fibers in place during the treatment session. The fiber posi-
tions were chosen to obtain as homogeneous a light distribu-
tion inside the lesion as possible, while sparing the surround-
ing tissue. An algorithm for determining the near-optimal fiber
positions has been published elsewhere.21 Since all lesions
could be approximated by rather flat cylinders, the resulting
fiber positions were confined to one plane at half the tumor
depth.
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In the treatment mode, the individual fiber output power
was kept constant throughout the treatment session at power
levels ranging from 25 to 100 mW. The therapeutic irradia-
tion was interrupted with varying time intervals �30 to 120 s�
to perform the 45-s measurement sequences. Measurement
sequences were performed more frequently at the beginning
of the treatment session to follow the rapid sensitizer pho-
tobleaching, and also prior to and at the end of each treatment
session. The total irradiation time was determined by the re-
quirement to deliver a light dose exceeding 50 J/cm2 to every
part of the lesion,20 leading to longer irradiation times for the
larger lesions. Total light energy delivered and fiber output
power are given in Table 1.

2.2 Instrumentation
The instrumentation used for the laser-induced fluorescence
studies of the PPIX concentration throughout the tumor depth
prior to therapeutic light delivery has been described in detail
elsewhere.22 A nitrogen laser pumped dye laser emits pulsed
excitation light at 405 nm. After passing through a RG435
cut-off filter, fluorescent light between 450 and 800 nm is
dispersed by a spectrometer and detected by an intensified and
cooled charge-coupled device �CCD�.

The setup of the interstitial photodynamic therapy �IPDT�
instrument is shown in Fig. 1 and a more detailed description
is given elsewhere.20 The therapeutic light unit consists of six
diode lasers emitting at 635 nm with an individual maximum
output power of 250 mW. While in treatment mode, light
from the therapeutic unit is guided into the distribution mod-
ule and directed into the six 400-�m-diam optical fibers.

While in measurement mode, light from the diagnostic unit
is coupled into one of the patient fibers via the light distribu-
tion module. The diagnostic light sources consist of a diode

laser with the same wavelength as the treatment lasers and an
LED covering the spectral range 760 to 810 nm. The term
“diagnostic” is here used to describe the progression of the
treatment and does not refer to diagnosis of the patient’s sta-
tus. One measurement sequence involves successively cou-
pling the output from the two diagnostic light sources into
each of the six patient fibers in turn. Transmitted light in the
spectral range 620 to 810 nm is collected by the remaining
five fibers, dispersed by an imaging spectrometer, and de-
tected by a CCD camera. A cut-off filter �Schott RG665� is

Table 1 Treatment and patient information. BCC is basal cell carcinoma, SCC is squamous cell carcinoma, and i.l is intralesional drug delivery. In
treatment 2, four light delivering fibers were used during the treatment, two emitting 25 mW and the remaining two emitting 100 mW. Also in
treatment 2, for the light dose of 70, the full dose was not delivered as a result of fibers losing their respective positions. In treatment 10, for the light
dose of 320, the treatment time was based on a threshold dose of 100 J /cm2.

Treat-
ment

number

Patient
�male/
female� Diagnosis Location

Size �mm�
length�width

�depth

ALA
administration

mode

Treatment
power
�mW�

Light
dose
�J�

1 1 �f� Nodular BCC Arm 20�20�9 Topical 75 395

2 4 �f� Nodular BCC Neck 12�14�5 Topical 25/100 70

3 5 �f� Nodular BCC Leg 12�14�3 Topical 75 180

4 5 �f� Nodular BCC Leg 20�20�5 Topical+i.l. 75 203

5 6 �m� Nodular BCC Ear 14�12�7 Topical 100 180

6 8 �f� Nodular BCC Shoulder 20�20�4 Topical+i.l. 75 270

7 7 �f� Nodular BCC Leg 30�25�3 Topical 75 495

8 7 �f� Nodular BCC Leg 20�20�1 Topical+i.l. 75 135

9 2 �m� SCC Ear 22�20�7 Topical 100 384

10 3 �m� Keratoakantom/
SCC

Nose 12�14�4 Topical 25 320

Fig. 1 The overall instrument setup. Shaded arrows indicate data flow,
whereas unshaded arrows represent light paths.
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used to attenuate the intense laser light, so that both the light
transmission at 635 nm and the sensitizer fluorescence at
705 nm, which is excited by the light at 635 nm, can be
monitored simultaneously with similar intensity. The output
power of each of the patient fibers is measured before the
treatment session commences to compensate for internal
losses in the fiber couplings.

2.3 Data Evaluation

Following excitation at 405 nm, the fluorescence signal
within the spectral interval 630 to 640 nm was used to quan-
tify the PPIX concentration.

When evaluating data collected by the IPDT instrument,
noise was suppressed by smoothing each acquired spectrum
over 20 bands, which corresponds to approximately 5 nm in
the CCD readout, and subtracting a constant background off-
set. Summing the detected signal within the spectral interval
625 to 645 nm resulted in a signal describing the light trans-
mission at the treatment wavelength, also referred to as the
light transmission. Similarly, the PPIX fluorescence signal
was obtained by summing the detected light from
695 to 705 nm. Both for the light transmission and the sensi-
tizer fluorescence measurements, the signals were normalized
to their respective initial value. To get sufficient signal-to-
noise, the data analysis was based on signals between neigh-
boring fibers only. The patient fibers were always positioned
with approximately equal separations within each patient.
Distances between neighboring fibers were influenced by the
tumor dimension and ranged from 4 mm for the smallest le-
sions up to 8 mm for the seventh treatment session.

The third parameter of dosimetric importance measured
during PDT is related to the oxygen concentration. We used
an indirect method of monitoring the tissue oxygen content by
analyzing the tissue absorption spectrum and assuming that it
is dominated by oxy- and deoxyhemoglobin. The relative con-
centration of these compounds is calculated to provide the
tissue oxygen saturation level,

S�t� =
�HbO�t��

�HbO�t�� + �Hb�t��
. �1�

�Hb�t�� and �HbO�t�� are the deoxy- and oxyhemoglobin
concentrations, respectively. Since the absorbance by hemo-
globin and myoglobin are indistinguishable,23 �Hb�t�� and
�HbO�t�� also include the absorption by myoglobin, if
present.

The changes in optical density in the spectral interval
760 to 810 nm were measured using the LED as a light
source:

�A�t,�� = − ln
I�t,��

I�t = 0,��
, �2�

where I�t=0,�� is the initial light transmission between pa-
tient fibers and I�t ,�� is the light transmission as detected
during the subsequent measurement sequences. Assuming a
semi-infinite medium where the extrapolated boundary condi-
tion applies and approximating the patient fibers with isotro-
pic light sources, the light transmission can be expressed as:

I�t� �
P�eff

2 �t�
4��a�t�� exp�− �eff�t�r1�

r1
−

exp�− �eff�t�r2�
r2

� ,

�3�

where

�eff = �3�a��a + �s���
1/2

is the effective absorption coefficient, and �a and �s� denote
the absorption and reduced scattering coefficients, respec-
tively. The wavelength dependence has been omitted for sim-
plicity. Furthermore,

r1 = ��z − z0�2 + �2�1/2 and r2 = ��z + z0 + 2zb�2 + �2�1/2,

where � is the radial interfiber distance, z0 equals the fiber
insertion depth plus the factor 1 /�s�, and zb�2/�s�. Combin-
ing Eqs. �2� and �3� yields the following expression for the
change in optical density:

�A�t,�� = − ln
I�t,��

I�t = 0,��

= r1�3�a�t = 0��s��
1/2�	 ��a

�a�t = 0�
+ 1
1/2

− 1�
− ln�1 −

r1

r2
exp�− �r2 − r1�

��3���a + �a�t = 0���s�

1/2��

+ ln�1 −
r1

r2
exp�− �r2 − r1��3�s�t = 0��s��

1/2
� ,

�4�

where

��a = 	Hb�����Hb�t�� + 	HbO�����HbO�t�� .

	HbO��� and 	Hb��� are the wavelength-dependent extinction
coefficients of oxy- and deoxyhemoglobin, respectively.24 The
changes in oxy- and deoxyhemoglobin concentration were as-
sessed by nonlinear least-squares fitting of Eq. �4� to the mea-
sured change in optical density within the spectral interval
760 to 810 nm. After assuming initial oxy- and deoxyhemo-
globin concentrations, the tissue oxygen saturation was calcu-
lated from Eq. �1�. Here, �Hb�t=0�� and �HbO�t=0�� were
set to 20 and 47 �M, respectively,25 giving an initial tissue
oxygen saturation level of 70%, in agreement with previously
reported baseline levels.26

To derive Eq. �4�, several assumptions have been made.
First, a reduced scattering coefficient that remains constant
over time and that is much larger in magnitude than the ab-
sorption coefficient was assumed. Second, Eq. �4� is assumed
to be valid only in homogeneous tissues. By this way of
analysis, attenuation of the transmitted light by a small
amount of blood in front of either the detection or source fiber
is attributed to a smaller increase in total hemoglobin content
averaged throughout the probed tissue volume. In this work,
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the initial absorption ��a�t=0�� and reduced scattering coef-
ficients ��s��t�=�s��t=0�� at 635 nm were set to 0.3 and
12 cm−1, respectively.27

Based on the known extinction spectra of oxy- and deoxy-
hemoglobin, the changes in light transmission at the treatment
wavelength could be approximated by extrapolating the mea-
sured optical density changes from the wavelength region
760 to 810 nm down to 635 nm. The motivation for doing
this was to check whether the observed treatment-induced ab-
sorption changes could be explained by the measured changes
in tissue oxygenation and blood volume. The wavelength de-
pendence of the reduced scattering coefficient, which influ-
ences the calculation when extrapolating the measured optical
density changes from the wavelength region 760 to 810 nm
down to 635 nm, is given the following appearance:28

�s��t = 0,�� � �−1.11. �5�

3 Results
Following excitation at 405 nm, the PPIX fluorescence signal
prior to the treatment was found to decrease throughout the
tumor depth. The sensitizer displayed a large interpatient vari-
ability, which seemed to depend more on tissue porosity than
on ALA delivery path.

An example of a typical spectrum recorded when the diode
laser emitting at 635 nm was used as the diagnostic light
source is shown in Fig. 2�a�. 635-nm light transmission
curves as a function of delivered light dose are presented in
Fig. 2�b�. For this patient, the decrease in light transmission
was rather homogeneous within the entire tumor volume.

A significant treatment-induced attenuation increase was
established in seven of nine completed treatment sessions by
performing a one-sided Student’s t-test. P
0.01 was consid-
ered significant. Data from treatment 2 was excluded, since
the optical fibers moved when the patient started coughing
after 240 s of therapeutic irradiation. Figure 2�c� shows the
light transmission level remaining at the end of each treatment
session. The data displayed were obtained by averaging the
normalized light transmission between neighboring fibers
within time interval TI, as indicated in Fig. 2�b�. Out of a total
of 60 fiber insertions, the detected signals from four fibers
were characterized by a rapid �changes occurred between the
first and second measurement sequences� and more pro-
nounced transmission decrease �down to less than 20% of the
initial level�, possibly indicative of significant blood pooling
at the fiber tip. Data from these fibers, characterized by poor
signal-to-noise ratio, were excluded from the data analysis.

A typical sensitizer photobleaching curve is shown in Fig.
2�d�, where the average of the normalized fluorescence signal,
as detected between neighboring patient fibers in one patient,
has been plotted as a function of the delivered light dose. Data
from the treatments indicate rapid initial photobleaching, fol-
lowed by a slowly decaying fluorescence level. It should be
noted that the sensitizer fluorescence signal was not compen-
sated for the absorption increase, as seen from the fluence rate
measurements. Figure 2�e� shows the remaining fluorescence
level for treatments 3 to 10. Treatment 1 was excluded from
the analysis because the PPIX fluorescence was below the
detection limit of the system with its initial CCD settings.

Figure 3�a� shows the changes in optical density at various
times during treatment 3. The data were obtained by evaluat-
ing the recorded NIR transmission spectra according to Eq.
�2�. An increased absorbance can be seen around 760 nm as
the treatment progressed. In this wavelength region, deoxyhe-
moglobin has a higher extinction coefficient than oxyhemo-
globin, as shown in Fig. 3�b�.24 The changes in concentration
of oxy- and deoxyhemoglobin were evaluated using Eq. �4�.
Figure 3�c� illustrates the concentration changes correspond-
ing to the data shown in Fig. 3�a�. The curves are not each
other’s opposite, indicating treatment-induced changes in total
blood volume.

Figure 4�a� shows a schematic illustration of the tumor
cross section for one of the treatments and the patient fiber
configuration used during this treatment. Similar configura-
tions were used for all treatments. In Fig. 4�b�, the tissue
oxygenation level according to Eq. �1� is shown when mea-
sured using the six fiber pairs, as indicated in the legend. As
can be seen, during treatment 3 the volume probed when mea-

Fig. 2 �a� Raw spectrum from a diagnostic measurement using the
635-nm diode laser as a light source. Spectral intervals �I and �II
indicate regions used for studying the light transmission at 635 nm
and the PPIX fluorescence signals, respectively. �b� Average of the
normalized light transmission between neighboring patient fibers as a
function of the delivered light dose �DL� from one patient. Signals
within area TI are averaged to constitute a measure of final light trans-
mission. �c� The light transmission remaining at the end of each treat-
ment. �d� Average of the normalized PPIX fluorescence as measured
between neighboring patient fibers as a function of the delivered light
dose �DL� from one patient. �e� The PPIX fluorescence level remaining
at the end of each treatment. In �b� through �e�, the error bars denote
±1 standard deviation.
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suring between fibers 1 and 2 displayed a higher degree of
deoxygenation than the other parts of the tumor. Figure 4�c�
shows the tumor oxygenation level after averaging the signals
between all patient fibers. It should be noted that this graph
includes transmission signals with source-detector separations
of up to 8 mm. Figure 4�d� shows the minimum average tis-
sue oxygen saturation level for seven treatment sessions.

The standard deviations for sessions 3, 4, 6, 7, and 8 result
from averaging the transmission signals between many fiber

combinations, thereby probing a highly heterogeneous tissue.
The extremely large standard deviations for treatments 5 and
10 indicate either that the model used for describing the trans-
mitted NIR signal was incorrect or that fiber positions
changed during the treatment. Data for these two patients give
no relevant information but have been included in the graph
for completeness. Although not significant, smaller source-
detector separations seemed to exhibit a higher degree of tis-
sue deoxygenation than when analyzing transmission signals
having traveled across larger tumor volumes. In addition to
treatment sessions 1 and 2, data from session 9 have been
excluded, because the CCD settings were incorrect during this
particular treatment.

Besides changes in tissue oxygen saturation level, the
treatment also induced changes in the total hemoglobin con-
tent, as shown in Fig. 5�a�. The plot shows the relative
changes in total hemoglobin content for seven treatments
when assuming initial deoxy- and oxyhemoglobin concentra-
tions according to Sec. 2.3. Again, the large standard devia-
tions for sessions 5 and 10 indicate a poor fit to the model.
Here we tested the hypothesis that changes in tissue oxygen
saturation and blood volume resulted in the observed increase
in tissue absorption at the treatment wavelength. The change
in light transmission at the therapeutic wavelength was ap-
proximated by extrapolating the measured optical density
change from the wavelength region 760 to 810 nm down to
635 nm based on the known extinction coefficients of oxy-
and deoxyhemoglobin. Figure 5�b� illustrates the agreement
for a set of one source fiber and five detection fibers during
one of the treatments. A relative error estimate was defined
according to the following formula:

Fig. 3 �a� Changes in tissue optical density from the third treatment for
five different treatment times. �b� Extinction coefficients of oxy- and
deoxyhemoglobin as a function of wavelength. �c� Concentration
changes of oxy- and deoxyhemoglobin as a function of the delivered
light dose �DL�.

Fig. 4 �a� Example of tumor cross section and fiber positions. �b� Tis-
sue oxygen saturation during treatment 3 as a function of the deliv-
ered light dose �DL�. The legend indicates source-detector fibers. �c�
Average tissue oxygenation as a function of the delivered light dose
�DL�. �d� Minimum tissue oxygen saturation level for seven treatments.
Error bars denote standard deviations resulting when averaging signals
between neighboring patient fibers. The dashed line represents the
70% oxygen saturation level.

Fig. 5 �a� Change in total hemoglobin content for seven treatments.
�b� Example of measured and extrapolated light transmission at
635 nm. The curves, which are offset for clarity, show the normalized
light transmission between one source fiber and five detection fibers
during the third treatment.
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E = �
t,fiber

�xmeasured − xpredicted�2

xmeasured

1

n − 1
, �6�

where n is the number of measurements. Taking into account
signals between neighboring fibers, the fit for the treatment
session shown in Fig. 5�b� resulted in E=0.006. Of the other
treatments, four showed error estimates of similar magnitude
when fitting the predicted light transmission profile to the
measured one, whereas the fit from treatment sessions 5 and
10 resulted in ten-fold larger errors. As explained before, data
from treatments 1, 2, and 9 were excluded.

Figures 4�d�, 5�a�, and 5�b� indicate treatment-induced
variations in tissue oxygenation and total hemoglobin content,
which seem to explain the observed absorption increase at the
treatment wavelength. To further explore the connection be-
tween the light transmission, the tissue oxygenation, and the
total blood content, the correlation between the final light
transmission, obtained by averaging the normalized transmis-
sion signal over time interval I, as indicated in Fig. 2�b�, and
the total change in tissue blood volume was studied for seven
treatments. Comparing the averages of these two variables for
each treatment session resulted in a correlation coefficient of
−0.75. The correlation between the average final light trans-
mission and the minimum tissue oxygen saturation was only
0.23.

Finally, the correlation between the overall absorption in-
crease and the initial photobleaching rate was studied. The
PPIX photobleaching rate was quantified by fitting a double
exponential to the normalized fluorescence decay curve by
means of a nonlinear least squares Levenberg-Marquardt
method. The fit to the raw data, indicated in Fig. 6�a�, was
given the following principal appearance;

F = a exp�− b · DJ� + c exp�− d · DJ� , �7�

where F and DJ denote the PPIX fluorescence signal and the
delivered light dose, respectively. The constants a through d
were allowed to vary during the fit. Of the two constants b
and d, the one with the largest magnitude was used to de-
scribe the initial photobleaching rate. The average value of
this initial decay rate for each of eight treatment sessions is
plotted along the abscissa in Fig. 6�b�, whereas the ordinate
gives the average of the normalized, final light transmission.
Each marker in Fig. 6�b� indicates an average of the light
transmission/fluorescence decay rate from each treatment, and
therefore represents an average over the entire tumor volume.
The standard deviations are a result of probing a rather large
and heterogeneous tissue volume. The correlation coefficient
between the final light transmission and the initial PPIX fluo-
rescence decay rate was found to be 0.81. A similar analysis
showed a correlation coefficient of −0.73 between the final
light transmission and the final PPIX fluorescence level. In
summary, Fig. 6�b� indicates a less pronounced absorption
increase during treatment sessions that show more rapid
photobleaching.

One-way analysis of variance �ANOVA� showed no sig-
nificant differences between the two groups of patients receiv-
ing topical and topical plus intratumoral ALA administration,
nor between different fiber output powers for the variables
presented in Figs. 2�c�, 2�e�, 4�d�, 5�a�, and 6�b�. P
0.01 was
considered significant.

4 Discussion
Interstitial photodynamic therapy has been applied in the
treatment of several conditions, for example, malignancies in
the prostate,29 liver,30 and pancreas.9 Various photosensitizers
have been used in those studies, and relatively large treatment
volumes have been obtained. This has been possible due to
the low thresholds and long activation wavelengths for the
sensitizers used.31–33 The main limitations of IPDT as applied
today are the limited light penetration and the lack of a more
precise dosimetry. In this study, we used ALA because of our
extensive experience of using this substance in the treatment
of skin malignancies. The results presented are not focused on
the treatment outcome of the tumors, but rather on treatment-
induced changes in tissue absorption, PPIX photobleaching
and tissue oxygenation level, and possible correlations be-
tween them.

The fluorescence measurements showed the typical char-
acteristics of PPIX photobleaching, where the final sensitizer
fluorescence constituted less than 25% of the initial fluores-
cence level. Both the overall amount of photobleaching and
the initial photobleaching rate have been shown to correlate
with tissue oxygenation and amount of PDT damage, possibly
indicating the feasibility of using the sensitizer photobleach-
ing as an implicit dosimetric parameter.10,11,17 The sensitizer
fluorescence signal could therefore possibly be used as a first
indication of the treatment outcome, and not merely to pro-
vide information about the presence of the drug. More work is
required to correlate the fluorescence kinetics to the treatment
outcome, including results of long-term follow-up.

In this work, an indirect method of assessing the tissue
oxygen content was used, which assumes there is a connec-

Fig. 6 �a� Example of a PPIX photobleaching curve and the double
exponential fit. The exponent of the rapidly decaying term b was used
to quantify the photobleaching rate. �b� Scatter plot illustrating the
correlation between the initial photobleaching rate and the light trans-
mission remaining at the end of the treatment. Error bars denote stan-
dard deviations and the treatment number is indicated in the legend.
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tion between the oxygen saturation of hemoglobin and the
concentration of oxygen molecules 3O2. On the time scale
associated with a typical treatment and also during a measure-
ment cycle, we believe that the balance between deoxy- and
oxygenated tissue reflects the oxygen concentration level. The
tissue oxygen saturation levels reported do not indicate any
incidence of serious tissue hypoxia during the treatment ses-
sions. One possible explanation might be that PDT following
local administration of ALA is not associated with a pro-
nounced vasoconstriction as PDT with many other sensitizers,
for example, Foscan and HpD. When using topically admin-
istered ALA, increased blood perfusion has been observed
during treatment of superficial skin malignancies.34 Another
possible explanation for us not seeing lower oxygenation lev-
els is the relatively large tissue volume probed by the NIR
light, determined by the relatively long distance between
source and detector fibers. In contrast, one could expect oxy-
gen consumption and depletion to be local processes occur-
ring close to the light source, where the fluence rate is
highest.15,35 It is thus likely that these measurements probe
tissue characterized by inhomogeneous oxygen saturation.

The influence of a good oxygen supply on tumor treatment
outcome is well established. Following systemic administra-
tion of ALA, irradiation fractionation with dark intervals on
the order of a couple of minutes has been shown to induce
three times more necrosis than continuous therapeutic irradia-
tion, an effect that has been explained by tissue reoxygenation
during the dark periods.15 Real-time monitoring of the tissue
oxygen saturation levels is clearly desirable when trying to
improve treatment outcome. Although not significant, for
some treatments we observed a slightly higher oxygenation
level for the earliest measurements during a measurement se-
quence. Since one such sequence interrupts the therapeutic
irradiation for 45 sec, this might be in agreement with work
done by Foster et al. who reported on tissue reoxygenation
using dark intervals on the order of 5 to 45 sec.36

Other authors have also reported a decrease in the light
penetration in tissue during PDT, and possible explanations
include damage to the tissue microcirculation,37 alteration of
the local blood flow and perfusion,3,38 and local hyperthermia
or bleeding at the fiber tips.39 Because of the high absorption
coefficient of blood, bleeding at the fiber tips has a consider-
able impact on the light distribution in the tissue, and blood
pooling at the light sources should be prevented to avoid in-
sufficient treatment. By measuring the magnitude of the light
transmission between patient fibers, fibers characterized by
significant blood pooling can be identified and an insufficient
treatment can be avoided by repositioning these fibers.

When using bare-end fibers for light delivery, one should
not neglect the risk of inducing hyperthermia due to the high
irradiance �
0.2 MW/m2� close to the fiber tip. Recent work
by our group using temperature-dependent fluorescence from
alexandrite-doped treatment fibers has shown a local tempera-
ture increase of 4 to 5 °C in vivo at the fiber tip.40 However,
the small temperature increase observed using crystal-doped
fiber tips can probably not explain the observed increase in
tissue absorption.41,42

Another possible explanation for the observed decrease in
light transmission during the treatment sessions is based on
treatment-induced changes in oxy- and deoxyhemoglobin

concentrations. Tissue deoxygenation as a consequence of
oxygen consumption associated with the photodynamic reac-
tion would cause an increase in tissue absorption at 635 nm,
since deoxyhemoglobin is a much stronger absorber at this
wavelength than oxyhemoglobin.19,24 Furthermore, local
blood accumulation at the fiber tips would increase the aver-
age tissue light attenuation. Here we have tested the hypoth-
esis that changes in tissue oxygen saturation and blood vol-
ume induce changes in the average tissue absorption
coefficient. Evaluation of the measured tissue optical density
in the wavelength interval 760 to 800 nm indicates treatment-
induced tissue deoxygenation in combination with a consider-
able change in blood volume. The changes in light transmis-
sion predicted by the calculated changes in hemoglobin
content were compared to the light transmission actually mea-
sured at 635 nm, showing excellent agreement for some pa-
tients. Judging by the magnitudes of the correlation coeffi-
cients, the absorption increase seems to be more influenced by
the observed changes in total hemoglobin content than by the
varying tissue oxygen saturation. This poor correlation might
originate from the assumption of homogeneous tissue associ-
ated with our analysis of the NIR signal. We are presently
working on a way to incorporate tissue inhomogeneities in the
geometry following the concept outlined in Ref. 43. In the
case of light transmission, treatment 6 represents an outlier
where we actually observed an increase in tissue light trans-
mission. This lesion had previously been treated by cryo-
therapy, leading to hypopigmentation and loss of vascularity.
A low average blood concentration, possibly in combination
with tissue oedema induced by the treatment, could perhaps
explain the transmission increase.

The observed increase in absorption influences the light
distribution throughout the tumor volume, with the result that
peripheral regions, which are important for tumor growth,
may not receive a sufficient light dose. By carefully monitor-
ing the light penetration during the treatment, information can
be obtained on prolonging the treatment time or adjusting the
individual fiber output power to deliver the planned light dose
to these critical volumes. The aim of these dosimetric mea-
surements performed in parallel with the therapy is treatment
supervision and real-time feedback to improve treatment re-
sults. During the clinical work, we observed large interpatient
variations in the detected signals, a fact that further supports
the concept of individualized treatment control.

Even though we have had promising results when using
bare-ended fibers for IPDT,44 the extremely high fluence rate
close to the light sources introduces two major issues that
need to be addressed: first, the light absorption by tissue
might introduce thermal effects such as charring, and second,
the high fluence rate might introduce local oxygen depletion
and thereby lack of treatment response close to the light
sources. With these concerns in mind, we limited the fiber
output power to 100 mW. Histopathology performed on ex-
cised tissue from some of the patients included in this work
displayed no evidence of thermal effects or inefficient treat-
ment close to the fiber tips. In support of our findings,
Woodhams et al. have reported no thermal effects in controls
with light only at 100 mW.45

Although not shown here, the results from histopathology
studies on the excised tissue showed tumor necrosis down to a

Johansson et al.: In vivo measurement of parameters of dosimetric importance¼

Journal of Biomedical Optics May/June 2006 � Vol. 11�3�034029-8

176



Paper V

depth of 9 mm following only topical ALA application. The
presence of PPIX at depths of up to 5 mm following the com-
bination of topical and intratumoral drug administration was
confirmed by the point-monitoring laser-induced fluorescence
studies. Experimentally determined and theoretically modeled
ALA penetration depths between 2 and 5 mm have been re-
ported by other groups.46,47 In this study, possible explana-
tions to the presence of PPIX at the relatively large depths
might be increased drug diffusivity and skin permeability
achieved by the use of ALA-ME, and the removal of crust and
the superficial skin layer.48

The negative correlation between the light transmission
and the sensitizer fluorescence level remaining at the end of
the treatment indicates more efficient photobleaching during
treatments characterized by a smaller increase in tissue ab-
sorption. This result might not seem very surprising, since a
higher irradiance photobleaches the sensitizer more effi-
ciently, given a sufficient oxygen concentration. The relatively
high degree of correlation between the initial sensitizer pho-
tobleaching rate and the light transmission remaining at the
end of the treatment session might thus also imply some oxy-
gen dependence behind the increase in tissue light absorption.
It should be noted that here we observed a correlation be-
tween the fluorescence signal during the first few minutes of
the treatment session and the tissue absorption at the end of
the treatment. These two parameters are separated in time by
up to 15 minutes. The explanation might lie in the fact that a
tumor with an overall stable blood supply can maintain this
throughout the entire treatment, thereby avoiding oxygen
depletion. The situation may, however, be completely differ-
ent for sensitizers with more pronounced vascular effects than
ALA-induced PPIX. However, care should be exercised when
drawing any conclusions based merely on the correlation co-
efficients, due to the small number of patients included in the
study. The need for a larger study also applies when trying to
identify differences between the two ALA administration
paths.

The analysis of the tissue oxygen saturation signal is sub-
ject to several assumptions and sources of error. Exact knowl-
edge of the fiber positions, gained for example by means of
ultrasound techniques, will minimize one of the sources of
uncertainties in the data analysis. Furthermore, the assump-
tion of a constant reduced scattering constant throughout the
treatment and the values of the initial absorption and reduced
scattering coefficients constitute another source of error. Al-
though not shown here, the temporal profile of the tissue oxy-
gen saturation level seems to be reasonably insensitive to
variations in these coefficients within certain limits. An inter-
esting task for the future would be to monitor the tissue’s
optical properties during the treatment session. Using a time-
resolved system, it would be possible to separately measure
the reduced scattering and absorption coefficients,49 which
could aid in interpreting the observed variations in light pen-
etration reported here. Our indirect method of assessing the
tissue oxygen saturation should be correlated to in vivo mea-
surements of oxygen concentration, for example, by means of
oxygen-sensitive microelectrodes or oxygen-dependent phos-
phorescence quenching probes.35 The inclusion of controls,
where fibers are inserted and light is delivered in the absence
of photosensitizer, is a necessity when further interpreting the
results from the diagnostic measurements.

In conclusion, we have reported on simultaneous measure-
ments of fluence rate, sensitizer fluorescence, and tissue oxy-
gen saturation during interstitial photodynamic therapy of
thick malignant skin tumors. A significant increase in tissue
light absorption was observed during seven completed treat-
ments, possibly explained by treatment-induced tissue deoxy-
genation and blood volume increase. A high absorption in-
crease was found to correlate to a lower initial sensitizer
photobleaching rate. We emphasize the importance of the pro-
posed real-time diagnostic measurements as a tool for treat-
ment supervision and feedback.
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Abstract

Interstitial photodynamic therapy on thick skin lesions has been shown to induce changes in tissue light transmission
as a direct consequence of variations in total blood volume and oxygen saturation. A finite element method was used in
order to simulate the fluence rate distribution and total light dose throughout the target tissue for two cases. The first
case constitutes a pre-treatment model where the tissue optical properties are assumed constant during the entire
treatment. The second situation takes into account observed changes in tissue light transmission, small deviations in
fiber insertion depth and a few cases of almost complete loss of source fiber output power possibly as a result of blood
accumulation in front of the fiber tip. The pre- and post-treatment models from six clinical treatments are compared in
terms of simulated treatment volumes. We conclude that real-time monitoring of the delivered fluence is necessary in
order to ascertain a pre-determined light dose to the target tissue. Finally, we speculate on how to also include the
sensitizer fluorescence level and tissue oxygenation in the real-time treatment feedback.
r 2006 Elsevier GmbH. All rights reserved.

Keywords: Interstitial photodynamic therapies; d-aminolevulinic acid; Protoporphyrin IX; Dosimetry

Introduction

Photodynamic therapy (PDT) is a cancer treatment
modality that has been used successfully in the treat-
ment of thin and superficially situated non-melanoma
skin malignancies [1]. PDT relies on a sensitizer being
activated by light in the presence of oxygen, leading to
the production of toxic singlet oxygen radicals. Tissue
destruction results from apoptosis, necrosis and vascular
damage caused by these radicals [2,3].

d-aminolevulinic acid (ALA)-induced protoporphyrin
IX (PPIX) has since long been in clinical practice for the
treatment of various skin malignancies, e.g. actinic
keratosis, an indication for which it also holds FDA
approval. The clinical treatment procedure involves
topical ALA administration and superficial irradiation.
Most often, standardized light delivery conditions are
used where the irradiance at the therapeutic wavelength
is kept constant throughout the treatment and the
illumination time is determined by the requirement to
deliver a pre-determined incident light dose, expressed in
J/cm2. Such a simplified dose metric ignores parameters
such as depth of the lesion, sensitizer concentration and
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tissue oxygenation status throughout the target tissue.
Among other things, these simplifications might explain
the highly variable PDT effect, where the recurrence rate
[4] and necrotic volume [5] display large variations
despite using a constant light dose.

Several research groups have worked along the lines
of implementing an implicit dosimetry model, in which a
single parameter is used as dose metric [6]. Boere et al.
[7] have found a good correlation between the initial
sensitizer decay rate and treatment effect. This connec-
tion can be explained by a singlet oxygen-mediated
sensitizer photobleaching [8], where the treatment-
induced oxygen radicals attack both the target tissue
and the photosensitizer itself. In contrast to implicit
dosimetry, explicit dosimetry relies on measuring all
three dose parameters, i.e. the fluence rate, sensitizer
concentration and tissue oxygenation, independently.
To date, no clinical practice exists that relies on an
explicit dosimetry model. This might partly be explained
by the difficulties associated with trying to monitor each
of the parameters involved, inherently requiring a lot of
instrumentation. It is yet uncertain exactly how a PDT
dose should be defined in order to exhibit the correct
dependence on the light fluence rate, the sensitizer
concentration and the tissue oxygenation.

In an effort to extend the possible indications for PDT
to also include thick and deeply situated lesions, we have
developed an instrument for interstitial PDT (IPDT),
where optical fibers inserted into the tumor are used to
deliver the therapeutic irradiation. An early version of
the system allowed for monitoring of the therapeutic
light flux during the treatment using the same fibers
as for therapeutic light delivery [9]. A more recent
instrument offers the possibility to also monitor
sensitizer fluorescence and tissue oxygen saturation
[10]. Initial clinical trials on thick skin tumors have
utilized six bare-ended fibers for light delivery and
treatment monitoring. Data collected during the first ten
treatments indicated significant variations in tissue light
transmission and rapid sensitizer photobleaching [11].
The treatment-induced increase in absorption was found
to be consistent with an increase in tissue average blood
content and tissue de-oxygenation.

In this paper, we investigate the actual PDT dose
being delivered during the treatments performed and
compare it to a pre-treatment model. According to
clinical practice, the PDT dose is based on the light
fluence only. The analysis is based on a subset of
previously published data, see Refs. [10–12]. While
earlier publications highlight instrument performance
and real-time monitoring of the fluence rate, sensitizer
fluorescence and tissue oxygenation during treatment,
here we focus on comparing treatment volume as
predicted by pre- and post-treatment models of the
fluence distribution. The fluence rate distribution inside
the target tissue is modeled using the finite element

method and the diffusion approximation. The pre-
treatment model, which was used to determine approx-
imate irradiation times prior to each treatment session,
assumes constant tissue optical properties. This model is
contrasted to a simulation where the tissue light
transmission is allowed to vary according to the data
from the clinical treatments. The comparison reveals
significant differences in treatment volume as predicted
by the pre- and post-treatment models of the fluence
distribution. These results indicate a need for individua-
lized treatment monitoring in order to deliver the pre-
determined PDT dose to the entire target tissue.

Materials and methods

Patients and treatment procedure: Ten treatments
utilizing IPDT combined with simultaneous monitoring
of light fluence rate, sensitizer photobleaching and tissue
oxygen saturation were performed on eight patients with
thick non-melanoma skin lesions. The lesions were
photosensitized with methyl-esterified aminolevulinic
acid (ALA-ME, MEDAC GmbH, Hamburg, Germany)
either topically or both topically and intra-tumorally.
Six sterilized optical fibers, hereafter referred to as the
patient fibers, were inserted into the tumor mass at pre-
determined positions and utilized for both therapeutic
light delivery and treatment monitoring. Further details
on patients and treatment procedure can be found in
Ref. [11]. Here we present data only from six of the
treatment sessions where full data sets exist, see Table 1.
These patients were all diagnosed as nodular basal cell
carcinomas. IPDT was performed as part of a combined
treatment where patients also received topical Efudix
cream containing Fluorouracil.

Instrumentation: The setup of the IPDT instrument is
shown in Fig. 1 and a more detailed description is given
elsewhere [10,11]. The instrument allows for therapeutic
light delivery and treatment monitoring via six 400-mm
diameter optical fibers. While in treatment mode, light
from the therapeutic light unit, consisting of six diode
lasers emitting at 635 nm, is guided into the distribution
module and directed into the patient fibers.

Occasionally the therapeutic irradiation is interrupted
in order to perform measurement sequences, during
which light from each of the two diagnostic light sources
is successively coupled into each of the six patient fibers.
The term ‘‘diagnostic’’ is used here to describe the
progression of the treatment and does not refer to
diagnosis of the patient’s status. Utilizing the first
diagnostic light source, a diode laser with the same
wavelength as the treatment lasers, the detected signals
at 635 and 705 nm are used to monitor tissue absorption
and sensitizer photobleaching, respectively. The second
light source within the diagnostic light unit consists of a
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near-infrared LED covering the spectral range
760–810 nm and is used to measure the tissue optical
density within this spectral interval. Based on the tissue
absorbance, changes in oxy- and deoxy-hemoglobin
concentration are calculated and the total blood content
and oxygen saturation are monitored. The measurement
sequences are performed prior to commencing thera-
peutic light delivery and at varying time intervals during
the entire treatment and thereby give information on the
temporal profile of the fluence rate, the PPIX fluores-
cence level and the tissue oxygenation. Refs. [10,11] give
more details on instrument function and data analysis.

Pre-treatment model of the fluence distribution: A pre-
treatment simulation of the fluence distribution was
performed in order to predict the necessary treatment
time. For this simulation, the tumor geometry was
approximated with a flat disk with elliptical cross section
where the radii and depth were assessed by visual
inspection and palpation by an experienced oncologist.
In order to give as homogenous fluence rate distribution
within the tumor as possible, while sparing normal
surrounding tissue, the fibers were evenly distributed
along the periphery of an elliptical cross section at a

radial position of approximately 7/10 of the tumor
radius. The fiber insertion depth was equal to half the
tumor thickness.

The finite element method (FEM) (Femlabs 3.1,
Comsol AB, Stockholm, Sweden) was used to model the
fluence rate distribution within the target tissue and
normal tissue in close proximity to the lesion. The
geometry consisted of the cylindrically shaped lesion
within a semi-infinite homogeneous medium. The
fluence rate, f(r), was determined by solving the
steady-state diffusion equation [13]:

r2f� m2efff ¼
X

i

S rið Þ i ¼ 1 . . . 6 (1)

where meff ¼ 3ma ma þ m0s
� �� �1=2

, ma and m0s are the
effective attenuation, absorption and reduced scattering
coefficients, respectively. In the pre-treatment model,
these parameters were assumed constant and were set to
0.3 and 12 cm�1 for the absorption and reduced
scattering coefficient, respectively [14]. The bare-ended
fibers, constituting the source term,

P
S(ri), were

modeled as isotropic point sources positioned at a
distance 1/m0s in front of the actual fiber surfaces.
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Fig. 1. (a) Schematic drawing of IPDT instrument. (b) Digital photograph of the instrument.

Table 1

Treatment Lesion size

(mm)

Delivered

energy per fiber

(J)

ALA

administration

Treatment

result

DHbtot
(mM)

Functional

fibers

Fiber output

power (mW)

1 12� 14� 3 30 Topical �10%

response

+38 6 (6) 75

2 12� 14� 7 30 Topical 450%

response

70 6 (6) 100

3 30� 25� 3 83 Topical 75%

response

+29 6 (6) 75

4 20� 20� 1 23 Topical+it. 100%

response

+11 6 (6) 75

5 20� 20� 5 34 Topical+it. �10%

response

+28 4 (6) 75

6 20� 20� 4 45 Topical+it. 450%

response

�18 6 (6) 75

it. – intra-tumoral ALA administration. DHbtot denotes the change in total blood volume found during the treatment. Functional fibers denote the

number of fibers that were not characterized by almost complete loss of signal. For details on these parameters, see the following section.
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A Robin-type boundary condition (RBC) was used for
the tissue–air interface when solving Eq. (1) [15]. The
total fluence, expressed in J/cm2, throughout the tumor
volume was calculated by multiplying the fluence rate
distribution, expressed in W/cm2, with the irradiation
time. The isodose surface at 50 J/cm2 was set to
represent the treatment volume [9]. The irradiation
time was determined by the condition to deliver a
fluence exceeding the threshold dose to every part of
the lesion. Unfortunately, a different boundary condi-
tion was used at the time of using the pre-treatment
model for determining the necessary treatment time.
Therefore, despite using the same set of optical proper-
ties, the total treatment volume as predicted by the
current pre-treatment model utilizing the RBC does
not include the entire tumor volume for all treatment
sessions.

Post-treatment model of the fluence distribution: The
post-treatment model of the fluence distribution is based
on in vivo clinical data. During each treatment session,
the 635-nm light transmission was monitored between
all possible source–detector fiber combinations. Thus,
any treatment-induced changes in tissue light absorption
within the treatment volume were tracked. We differ-
entiate between two cases: on one hand, a moderate
change in tissue light transmission (less than 750%)
and on the other a rapid decrease of the transmission
signal to less than 20% of the initial signal. The latter
situation we believe is due to considerable blood pooling
at the fiber tip and clearly prevents a sufficient light dose
to reach the target tissue. In the post-treatment model,
this situation is implemented by setting the output
power of these fibers to zero starting at the time point of
the detected signal loss.

In the situation where the transmission changes are
not as drastic, see Fig. 2, the transmission signals are
assumed to vary solely due to changes in the total
absorption coefficient in the entire probed treatment
volume. The analysis relies on the assumption of diffuse
light propagation and validity of the extrapolated
boundary condition. The reduced scattering coefficient
and the initial absorption coefficient are defined as
above. Furthermore, assuming the absorption change is
homogeneous within the region probed by a certain fiber
pair, see Fig. 4(a), the following equation expresses the
light transmission normalized with respect to the initial
value in terms of the fiber positions and the tissue
absorption and reduced scattering coefficients:

TðtÞ

Tð0Þ
¼

maðtÞ þ m0s
mað0Þ þ m0s

�
exp �meff tð Þr1
� �

r1
�

exp �meff tð Þr2
� �

r2

� �

�
exp �meff 0ð Þr1
� �

r1
�

exp �meff 0ð Þr2
� �

r2

� ��1
ð2Þ

Here r1 expresses the source–detector fiber separation,
r1 ¼ r2 þ ðDzÞ2

� �1=2
, where r denotes the radial inter-

fiber separation and Dz is any possible fiber insertion
depth difference found when withdrawing fibers at
the completion of the treatment. The other distance,
r2, expresses the distance between detection fiber
and the imaginary point source introduced to satisfy
the extrapolated boundary condition. r2 ¼ r2 þ zsfþð

�
zdf þ 2z0 þ 2zbÞ

2
�1=2, where zsf and zdf denote the

insertion depth of the source and detection fiber,
respectively. Furthermore, z0 ¼ 1=m0s and zb ¼ 2z0 [16].

When including transmission signals between all
possible combinations of source–detector fibers, each
measurement sequence results in 30 data points.
Reciprocal signals, i.e. transmission signals both from
fiber X–Y and from fiber Y–X, are then averaged
reducing the number to 15. Eq. (2) is employed to solve
for the time-dependent absorption coefficient, ma(t) for
each source–detector configuration. The 15 transmission
signals probe different tissue volumes and the resulting
absorption coefficients represent a coarse average of the
tissue absorption at 635 nm within these regions. In
order to create a map of the spatially varying absorption
coefficient, a Voronoi diagram is created utilizing
Matlab’s (Matlabs, The MathWorks Inc., Natick,
MA) function ‘‘voronoi’’. Here, the midpoints between
each source–detector fiber pair are used as generating
points. The entire volume is then partitioned into 15
convex polygons such that each polygon contains
exactly one generating point and every point in a given
polygon is closer to its generating point than to any
other. The absorption coefficient is assumed constant
within each polygon and the same map is used
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Fig. 2. Normalized light transmission between patient fibers as

a function of the delivered energy. Curves I and III represents

extreme measurements, while curve II is typical. The rapid

signal reduction as illustrated by curve III is indicative of

significant blood pooling in front of the fiber tip.
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throughout the entire depth of the lesion. Based on
measurement data, corresponding discretized maps of
the absorption coefficient are created for each measure-
ment sequence during the entire treatment session.
These maps are then loaded into Femlab and a FEM
simulation of the fluence rate distribution for each of the
diagnostic time points is performed. The steady-state
diffusion equation, source terms and boundary condi-
tions as described in the previous section are used.
Multiplying the modeled fluence rate distribution with
the length of the following treatment sequence and
adding the fluence delivered during each of the treat-
ment sequences gives the total fluence for each treatment
session. The pre- and post-treatment models are
compared in terms of the fluence distribution and the
tissue volume defined by the isodose surface at 50 J/cm2

for each of the treatments listed in Table 1.

Results

Examples of measured temporal profiles of the light
transmission between patient fibers are shown in Fig. 2.
Each curve has been normalized to its initial value.
Curve I was acquired during treatment 6 with a
source–detector separation of 7mm. This patient had
previously undergone radiation therapy, perhaps lead-
ing to less vascularized target tissue. The edema
resulting from the fiber insertion and the photodynamic
effect might have caused a more transparent tissue.
Curve II was measured utilizing fibers with a source–-
detector separation of 8mm. The fibers were placed in
opposite quadrants of the target volume so that the
detected light had probed the center of the lesion. The
third curve illustrates the rapid signal decrease that
could possibly be explained by significant blood
accumulation in front of the fiber tip. Out of a total of
60 fiber insertions in 10 patients, this signal behavior
could be identified in four cases [12], including two fibers
during treatment 5, see Table 1.

Fig. 3(a) shows the average of the normalized light
transmission between neighboring fibers during treat-
ment 1. The relatively small standard deviations,
illustrated by the error bars, indicate rather homoge-
neous absorption changes within the entire lesion. As
published earlier, we have found a significant decrease in
tissue light transmission in seven of nine completed
treatments [10,11]. These transmission changes were
found to agree with a change in the average tissue blood
content and oxygenation status. The minor deviations in
fiber insertion depth found upon withdrawing the
patient fibers were calculated to influence the light
transmission between neighboring fibers only 75% for
the set of initial optical properties used in the simula-
tions. The blood volume and tissue oxygen saturation

corresponding to the data in Fig. 3(a) are shown in
Fig. 3(b) and (c), respectively. No evidence of hypoxic
regions was found in any of the treatments. Fig. 3(d)
shows the average tissue absorption increase where Eq.
(2) and the data shown in Fig. 3(a) have been utilized.
One should note that the data shown in this figure have
been averaged over neighboring fibers only.

Fig. 4(a) shows the typical source configuration used
in the treatments. Shaded areas indicate tissue areas
probed by light transmitted from fiber 1. Transmission
signals between neighboring fibers, such as fibers 1 and
2, mostly probe the outer volumes of the lesion. On
the other hand, transmission signals between for
example fibers 1 and 4 are used for calculating the
tissue absorption coefficient within the tumor center.
Fig. 4(b) shows the spatially varying absorption
coefficient calculated utilizing all transmission signals
at the end of treatment 1.

Dose volume histograms (DVHs) provide informa-
tion on the fractional volume of the tissue of interest
that receive a certain treatment dose and have been used
in radiation treatment planning [17]. DVHs for the
planned and actual fluence distribution, as determined
by the pre- and post-treatment models, respectively,
were compared in order to study the influence of the
treatment-induced absorption changes and possible
blood accumulation in front of the fiber tip on treatment
volume. Fig. 5(a) and (b) show the fluence DVHs for
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Fig. 3. (a) Normalized light transmission averaged over signals

between neighboring fibers as a function of delivered energy

during the treatment. (b) Average change in total hemoglobin

content. (c) Average change in tissue oxygen saturation level.

(d) Average increase in tissue absorption coefficient. Data is

from treatment 1 and error bars denote standard deviations.
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target and normal tissue for treatment 1. For this
analysis, normal tissue was defined as non-target tissue
voxels up to 3mm outside the lesion. As can be seen, the
pre-treatment model slightly overestimated the total
irradiation time, leading to a minimum of approxi-
mately 150% of the threshold dose being delivered to
the target tissue. The fluence DVH corresponding to the
post-treatment model indicates a significantly lower
fluence within the lesion. Fig. 5(c) and (d) illustrate the
actual and planned fluence DVHs for lesion and normal
tissue, respectively, for treatment 5. The loss of sufficient

output energy from two fibers during this treatment
clearly had a large impact on the treatment volume as
displayed by the two curves in Fig. 5(c) For Fig. 5(a)
and (c), the fraction of the target volume receiving a full
light dose, i.e. corresponding to 100% target dose,
can be seen as an indication of the treatment volume.
Fig. 6(a) and (b) show the iso-surfaces at the threshold
dose of 50 J/cm2 for treatment 5 fluence model,
respectively. Here it is obvious that large tissue volumes
were undertreated.

As a summary of how the treatment-induced changes
in tissue light transmission, possible blood accumulation
at the source fiber surfaces and slight deviations in fiber
insertion depth influenced the fluence distribution within
the target tissue for treatments 1–6, Fig. 7 shows the
ratio of the fluence DVHs for the post-treatment model
to the pre-treatment model. Taking the fluence DVH
ratio at the 100% threshold dose as an indication of how
well the actual treatment targeted the planned treatment
volume, a significant undertreatment is evident in three
of the six treatments. Corresponding ratio for normal
tissue varied within 70.2 except for treatment 5. As a
result of one fiber depth increasing by 2mm during the
treatment, normal tissue received a significantly higher
light dose than planned for this particular treatment.

Discussion

IPDT has been introduced with the aim to treat thick
and/or deeply lying lesions. The use of several light
delivery fibers makes it possible to target irregularly
shaped lesions provided there is a careful light dosime-
try. As shown in earlier work, the insertion of optical
fibers and the therapeutic irradiation itself introduce
changes in the tissue composition such as blood volume
changes, tissue deoxygenation and edema [11]. These
alterations affect the light distribution during the
treatment and thereby the treatment volume.
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Fig. 4. (a) Fiber configuration used in treatment 1–6. Shaded regions indicate approximate areas probed by fiber 1. (b) Map of

evaluated absorption coefficient as a function of position at the end of treatment 1. The tumor periphery and fiber positions are

indicated.

Fig. 5. Dose volume histograms for (a) target, and (b) normal

tissue for treatment 1. (c) and (d) Corresponding data for

treatment 5. In (a) and (c), the 100% target dose grid line can

be used as a modeled estimate of the fraction of the tumor

treated.
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In this work, we compare the modeled treatment
volumes as predicted by pre- and post-treatment fluence
simulations. The pre-treatment model assumes constant
optical properties and a set of near-optimal source fiber
positions, whereas the post-treatment model takes into
account any changes in tissue light transmission, blood
accumulation in front of any source fiber that limits the
delivered energy and possible deviations in fiber inser-
tion depth. The DVHs for the fluence distribution
resulting from the two models indicate varying degrees
of undertreatment in three of the six treatments

published here. With the source fiber configuration used
in this work, volumes that receive a light dose just below
the pre-determined threshold dose appear at or near the
lesion periphery. Since tumors proliferate mainly from
these regions, the limited fluence within these regions
might have detrimental consequences for the long-term
treatment outcome. Due to the low number of
completed treatments, no correlation between predicted
and actual treatment outcome was yet been attempted.
The modeled fluence distribution revealed that sur-
rounding tissue receiving high light doses were situated
close to the tumor bed. Overtreating these regions might
effectively prohibit tumor growth.

The aim with the instrument used in this study is to
introduce real-time treatment feedback in order to
ascertain a certain light dose to every part of the tumor
despite treatment-induced changes in tissue light trans-
mission. The present and previous studies reveal
significant intra- and inter-patient variations in fluence
rate distribution, indicating the need to monitor each
individual treatment. Judging by the huge impact the
loss of one or several source fibers has on the total
treatment volume, it is especially important to avoid
blood accumulation at the fiber emission surface.
Situations where this occurs can perhaps be avoided
by re-positioning the fiber or drainage through hollow
catheters guiding the optical fibers. The execution time
required for creating a three-dimensional map of the
absorption coefficient and simulating the fluence rate
distribution by FEM is on the order of one minute. In
relation to the total treatment time, this rather short
execution time allows for on-line treatment feedback in
order to compensate for detected changes in light
transmission.
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Fig. 6. (a) Isosurface at 50 J/cm2 according to the pre-treatment model for treatment 5. (b) Corresponding isosurface from the post-

treatment model taking into account increase in tissue absorption, loss of sufficient output power in two patient fibers and slightly

altered fiber positions during the treatment.

Fig. 7. Ratio of the actual to the planned fluence DVH curves

for tumor tissue for treatments 1–6.
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We are presently extending our dosimetry model to
also include the sensitizer concentration and tissue
oxygenation. Future work needs to address in what
way these signals should influence treatment parameters
such as output power, irradiation time and irradiation
fractionation. Following systemic administration of
ALA, irradiation fractionation with dark intervals on
the order of a couple of minutes has been shown to
induce three times more necrosis than continuous
therapeutic irradiation, an effect that has been explained
by tissue reoxygenation during the dark periods [5].
When detecting hypoxic regions, halting the therapeutic
irradiation in order to allow re-oxygenation of the tissue
might thus improve treatment outcome. Since tissue
reoxygenation has been demonstrated during dark
intervals on the order of 5–45 s [18], the measurement
sequences associated with the treatment monitoring
might be sufficient to revoke possible hypoxia. Decreas-
ing the individual fiber output power is another strategy
for avoiding local hypoxia that has been shown to
improve treatment efficacy [19,20]. Finally, the sensitizer
fluorescence level can of course be used as an indication
of its concentration. In addition, the initial rate of
photobleaching can be used as an indicator of the
oxygen concentration within the target tissue along the
lines of implicit dosimetry according to Wilson et al. [6].

In conclusion, the comparison between treatment vol-
umes predicted by pre- and post-treatment simulations of
the fluence distribution reveal significant differences. The
treatment-induced variations in tissue absorption prevented
a sufficient light dose from being deposited to the peripheral
regions of the lesion in 50% of the cases reported on here.
We conclude that real-time treatment supervision and
feedback is essential in order to fully ascertain the pre-
determined light dose. We further speculate on how the
light dosimetry model can be extended to also include other
parameters under supervision, such as the sensitizer
fluorescence level and the tissue oxygen saturation.
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Zusammenfassung

Der Einfluss therapieinduzierter Veränderungen der Ge-

webeabsorption auf das Behandlungsvolumen während

der interstitiellen photodynamischen Therapie

Bei der interstitiellen photodynamischen Therapie
dicker Hautläsionen hat sich herausgestellt, dass Ver-
änderungen in der Gewebelichttransmission erzeugt

werden, was eine unmittelbare Folge der Schwankungen
des Gesamtblutvolumens und der Sauerstoffsättigung
ist. Zur Simulation der Energiedichte- und der Gesamt-
lichtdosisverteilung im Zielgewebe wurde in zwei Fällen
eine Finite-Elemente-Methode angewandt. Im ersten
Fall wird ein Modell des Zustandes vor der Behandlung
festgelegt, bei dem die gewebeoptischen Eigenschaften
während der gesamten Therapie als konstant angenom-
men werden. Bei der zweiten Simulation werden
beobachtete Veränderungen der Gewebelichttransmis-
sion, geringe Abweichungen der Fasereinführungstiefe
und vereinzelte Fälle von nahezu vollständigem Aus-
gangsleistungsverlust der Faser, möglicherweise verur-
sacht durch vor der Faserspitze angesammeltes Blut,
berücksichtigt. Die Modelle mit dem Gewebezustand
vor und nach der Behandlung aus sechs klinischen
Therapien werden in Bezug auf die simulierten Behand-
lungsvolumen verglichen. Wir kommen zu dem
Schluss, dass zur Sicherstellung einer im Voraus
festgelegten Lichtdosis im Zielgewebe ein Echtzeitmoni-
toring der abgegebenen Energiedichte erforderlich ist.
Schließlich überlegen wir, wie auch das Fluoreszenzni-
veau des Photosensibilisators und der Sauerstoffgehalt
des Gewebes in das Echtzeitbehandlungsfeedback ein-
bezogen werden könnten.

Schlüsselwörter: Interstitielle photodynamische Therapie;

d-Aminolävulinsäure; Protoporphyrin IX; Dosimetrie

Resúmen

Influencia de los cambios de absorción del tejido induci-

dos por tratamiento con terapia intersticial fotodinámica

en el volumen del tratamiento

Se ha demostrado que la terapia fotodinámica
intersticial de lesiones cutáneas gruesas provoca cam-
bios en la transmisión de la luz del tejido como
consecuencia directa de variaciones en el volumen total
de sangre y la saturación de oxı́geno. Para simular la
distribución de la velocidad de fluencia y la dosis total
de luz a través del tejido blanco, se utilizó el Método de
Elementos Finitos en dos casos. El primero, constituye
un modelo de pre-tratamiento en el que se asume que las
propiedades ópticas del tejido son constantes durante
todo el tratamiento. En el segundo, se tienen en cuenta
los cambios observados en la transmisión de luz del
tejido, pequeñas desviaciones en la profundidad de
inserción de la fibra y algunos casos en los que se
produjo una pérdida completa de salida de potencia de
la fibra, probablemente como resultado de la acumula-
ción de sangre en la punta de la misma. Los modelos de
pre- y pos- tratamiento de 6 casos clı́nicos fueron
comparados en términos de volúmenes de tratamiento.
Hemos concluı̀do que el monitoreo en tiempo real de la
fluencia aplicada es necesario a fin de establecer una
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dosis predeterminada sobre el tejido blanco. Y final-
mente hemos considerado cómo podrı́a integrarse la
determinación del nivel de fluorescencia del sensibiliza-
dor y de la oxigenación del tejido durante el seguimiento
en tiempo real del tratamiento.

Palabras claves: Terapia fotodinámica intersticial; ácido

d-aminolevulı́nico; Protoporfirina IX; Dosimetrı́a
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Pre-treatment dosimetry for interstitial photodynamic therapy 
 

A. Johansson∗, J. Hjelm, A. Eriksson, S. Andersson-Engels 
Department of Physics, Lund Institute of Technology, PO Box 118, SE-221 00 Lund, Sweden 

 
 

ABSTRACT 
 
A genetic algorithm for optimal placement of optical fibers in arbitrary geometries for interstitial photodynamic therapy 
has been developed. Based on calculated fiber positions, the diffuse light distribution is simulated by solving the 
diffusion equation by means of the finite element method and the treatment time is calculated. Utilizing an instrument 
for interstitial photodynamic therapy that is capable of both delivering the therapeutic irradiation and measuring 
parameters of relevance to treatment monitoring, knowledge has been gained on temporal variations of tissue light 
absorption, sensitizer photobleaching and tissue oxygenation status. We speculate on how variations in these three 
parameters can be implemented in a crude pre-treatment dosimetry model for photodynamic therapy. 
 
Keywords: Photodynamic Therapy, Interstitial, Dosimetry, Fluence rate, Sensitizer Photobleaching, Tissue Oxygenation 
 

1. INTRODUCTION 
 
In the search for new treatment modalities for cancer treatment, photodynamic therapy (PDT) has shown promising 
results in terms of selectivity and efficacy1. PDT relies on the presence of a photosensitizing agent, which once activated 
by light of the appropriate wavelength generates cytotoxic species, mostly singlet oxygen and other oxygen radicals. 
Tissue necrosis is caused by a combination of immediate tumor cell death and apoptosis induced by these radicals and 
indirect death due to damage to the vascular system2. Since the tissue following PDT often shows distinct boundaries 
between necrotic and unaffected regions, the concept of a threshold dose has been introduced 3. Tissue destruction can 
only be induced once a minimum amount of toxic photoproducts, for example singlet oxygen molecules, has been 
formed. The amount of radicals created depends on the local sensitizer concentration, the number of photons absorbed 
by the sensitizer and the oxygen access. These three parameters can be used to define a photodynamic dose. 
 
At the Department of Physics, Lund, Sweden an instrument for interstitial PDT has been developed that allows for 
treatment monitoring by measuring the local fluence rate, the sensitizer fluorescence and the tissue oxygen saturation 
throughout the treatment session4. Several optical fibers are used both for delivering the therapeutic irradiation and for 
collecting the signals relevant for treatment supervision. So far ten treatment sessions on thick non-melanoma skin 
tumors have been performed at the Oncology Clinic, Lund, Sweden. These treatments have provided us with important 
information on how tissue absorbance and oxygenation change during treatment sessions as well as the temporal profile 
of the sensitizer fluorescence signal5. This knowledge can help in forming a pre-treatment dosimetry model based on an 
explicit dosimetry concept according to Wilson et al. 6.  
 
PDT has been applied in numerous clinical situations without any thorough pre-treatment dosimetry.  In the case of 
superficial skin lesions, the photodynamic dose is often only defined based on the delivered light and drug doses in a 
standardized fashion without much concern of inter-patient variations in sensitizer accumulation and tissue oxygenation. 
Other factors of relevance in treatment planning are the tumor extension in three dimensions and the positioning of the 
optical fibers used for light delivery. Taking interstitial PDT on the prostate as an example, the proximity of sensitive 
tissue such as the rectum and the urethra puts additional requirements on optimal fiber positioning and an accurate 
model for the light distribution within the gland, possibly also including local tissue inhomogeneities, is highly 
important. In this work we propose a genetic algorithm for calculation of near-optimal fiber positions in arbitrary 
geometries. The resulting fiber coordinates are used as input parameters for modeling the fluence rate distribution within 
the prostate. The model relies on the finite element method (FEM) for solving the diffusion equation and therefore 
works in arbitrary geometries. Based on the knowledge gained during the interstitial PDT sessions, we speculate on how 
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to also include the sensitizer photobleaching and the tissue oxygenation status in a crude pre-treatment PDT dosimetry 
model. 
 

2. MATERIALS AND METHODS 
 

2.1. INSTRUMENTATION 
 
The lay-out of the IPDT instrument is shown in Figure 1 and a more detailed description is given elsewhere4.  The 
therapeutic light unit consists of diode lasers emitting at 635 nm, matching the absorption peak of the sensitizer used, 
protoporphyrin IX (PpIX). A maximum of six bare-end optical fibers are used to deliver the therapeutic light into the 
tumor mass.  
 

 

Computer  
 

Light 
distribution 

module 

Imaging 
Spectrometer 

Optical 
fibers 

Cut-off filter 

  Diagnostic 
light unit 

Therapeutic 
light unit 

 
Figure 1 The overall instrument lay-out. Shaded arrows indicate data flow, whereas unshaded arrows represent light paths. 
 
Throughout the treatment session, the therapeutic irradiation is repeatedly interrupted in order to perform measurements 
of parameters of importance for a successful treatment. While in measurement mode, light from the diagnostic unit is 
coupled into the same optical fibers as used for delivery of the therapeutic irradiation via the light distribution module.  
The parameters that are monitored during the treatment session are the light penetration in between optical fibers, 
tracking possible treatment induced increase in tissue absorption, the sensitizer fluorescence signal and changes in tissue 
oxygen saturation level. The term “diagnostic” has been introduced with the interpretation of treatment progression 
supervision and does not refer to diagnosis of the patient’s status.  
 

2.2. MATHEMATICAL DESCRIPTION 
 
The proposed algorithm is based on a genetic programming scheme, where the optimization process mimics the concept 
of evolution in the nature, see Figure 27. 
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Figure 2 Lay-out of the algorithm showing data flow and steps taken during the iterative optimisation process. 
 
The algorithm is initiated by creating a start population consisting of a certain number of individuals. Each individual 
consists of a specific set of fiber configurations and for the initial population each individual is given random start 
coordinates. In the next step, the reproduction stage indicated by the dashed rectangle in Figure 2, each individual is first 
evaluated according to its fitness value, F. A certain fraction of the most fit individuals are chosen as parents for the 
next generation. The higher the fitness value, the better the proposed coordinates and the greater the probability of that 
individual surviving for the next generation. The most common way is simply to let the survival probability be 
proportional to the fitness value.  
In the next step, a younger population is created by performing various alterations on the previous generation. An 
operation referred to as cross-over can be seen as mating between two parents. This step is implemented by splitting 
each individual’s set of fiber coordinates in two halves and merging the first part from one parent with the second part 
from the other parent. Cross-over opens up the possibilities for one set of promising characteristics from one parent to 
be combined with the advantages of the other parent. The equivalence of the concept of mutation in nature’s evolution is 
performed by including a small probability for randomly changing parts of the set of fiber coordinates. This step 
prevents premature convergence of the algorithm. The cross-over and mutation operations are included in order to allow 
for exploration of new regions in the search space. In addition, there is also a certain probability that each parent is 
exposed to some geometrical operation. In our work we have included the possibility of rotation and translation of fiber 
coordinates. In order to guarantee the survival of the most fit individual, an elitist algorithm has been used. This means 
that the survival of the best solution at a specific time point is guaranteed by letting that individual pass onto the 
generation unaltered. 
 
The new population, also referred to as the children, thus created, is used as starting point for another reproduction stage 
and the creation of the next generation is initiated. The process of reproduction, cross-over and mutation is repeated 
until the fitness value can no longer be improved between consecutive generations. 
 
The maybe most important parameter is the fitness function, according to which individuals are ranked. The fitness 
value is used to direct the search and should reflect the characteristics of a good solution. The fitness function, also 
referred to as the objective function, used in this work is given according to Eq. (1); 
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where φ  denotes the fluence rate, ω  is a weighting factor characteristic of each specific tissue type and M and N are the 

number of tumor and surrounding tissue voxels to be included in the fitness function. The product NM ⋅  is usually 
less than the total number of voxels in order to speed up the execution. 
 
The calculations are carried out under the assumption of diffuse light propagation, where the bare-end optical fibers 
used for delivering the therapeutic irradiation are modeled as isotropic point sources.  The fluence rate, φ(r), is 
described by the analytical solution to the steady-state diffusion equation in a homogenous medium8; 
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where μeff = [ )μ(μ3μ '

saa + ]1/2, μa and '
sμ  are the effective attenuation, absorption and reduced scattering coefficients, 

respectively. The summation is carried out over all light sources, characterized by output power Ps. The parameter r 
denotes the distance between each individual light source and the voxel of interest. 
 
By having certain weights, iω , for different regions, one can easily incorporate tissue types of varying sensitivity. When 

treating the prostate for example, the urethra and the rectum would constitute regions of higher sensitivity and their 
respective weights should reflect the risk of delivering too high light doses to these volumes. If giving negative weights 
to sensitive tissue and positive weights to the target volume, the final output of the genetic algorithm is the individual 
with the highest fitness value. The inclusion of voxel weights allows for more details in tumor characteristics to 
influence the fiber positioning. If, for example, the central parts of the tumor are necrotic this region should be given a 
weight reflecting the smaller need for receiving high light doses. There is also a possibility to let the inhomogeneous 
sensitizer accumulation and the tissue oxygenation status influence the different weights. 
 
Different solutions proposed by the genetic algorithm have been rated based on their fitness values and significant 
differences were tested using a Student t-test at significance level P≤0.01.  
 
Once the optimal fiber positions are found, an approximation of the fluence rate distribution within the tissue volume of 
interest is calculated by solving the diffusion equation, 

∑=−∇
i

)iS()(2
effμ)(2 rrr φφ , (3) 

by means of the finite element method. The source term, ∑S(ri) is modeled as isotropic point sources, denoted by the 
index i. In the case of superficial lesions, the extrapolated boundary condition is used when solving Eq. (3)9. Based on 
the calculated fluence rate distribution, the sensitizer concentration and the oxygen access, the local rate of singlet 
oxygen production, which is related to the PDT dose, can be predicted according to the following formula: 

( ) ( ) ( )[ ] ( )[ ]trOtrPStr
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trD
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,
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∂
∂ φε  (4) 

In Eq. (4), [PS] and [O2] denote the sensitizer and oxygen concentrations, respectively. ε is a scalar constant taking into 
account quantum efficiencies in the excitation of the sensitizer molecules and the singlet oxygen production. Treatment 
induced changes in tissue absorption, sensitizer concentration and tissue oxygen saturation level are indicated by the 
time dependence and possible spatial variations are also indicated by the inclusion of the parameter r. Integrating Eq. (4) 
over time and putting it in relation to some predefined threshold for the PDT dose, Dth (J/cm3), considered sufficient for 
inducing tissue necrosis, leads to an estimate of the necessary treatment time; 
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3. RESULTS 

3.1. Fiber positioning 
 
The genetic algorithm was tested on the prostate geometry shown in Figure 3.a. As can be seen, the prostate gland has a 
slightly irregular shape and the urethra, running through the central part on the gland, and the rectum at the posterior 
part of the gland, are included in the prostate model. The prostate gland had a volume of approximately 40 ml and the 
absorption and reduced scattering coefficient were set to 0.30 and 14 cm-1, respectively10. 
 
The genetic algorithm proved to be significantly better than manual placement of six fibers in this irregularly shaped 
three-dimensional geometry when comparing the fitness values according to Eq. (1) of the proposed solutions. The 
average fitness value for the genetic algorithm was found to be 0.0284, which was significantly better than the average 
of six manual placements of -0.0303. It should be noted that the absolute value of the fitness function is influenced by 
the number of voxels used to describe the geometry, the weights given to each tissue type and the optical parameters 
used and it is therefore not possible to compare fitness values between different geometries. 
 
Figure 3.b shows the resulting solution given by the genetic algorithm for the case of six optical fibers. As can be seen, 
the fibers are positioned around the sensitive tissue, in this case the urethra and the rectum, in such a way as to provide 
as homogenous fluence rate distribution throughout the prostate gland as possible.  

  
Figure 3 a) A three dimensional view of a prostate geometry with urethra and rectum included as sensitive tissue. b) Resulting fiber 
positions. The rectum is not displayed for clarity. 
 
Figure 4 shows a cross section perpendicular to the direction of the urethra through the central part of the gland. The 
rectum and the urethra are indicated in the figure and as can be seen these parts are spared from too high light doses. 
Figure 5.a-c show histograms of the fluence rate distribution in tumor, rectum and urethra for the fiber positioning 
illustrated in Figure 3.b. As can be seen, the sensitive tissue regions receive a much lower light dose as compared to the 
tumor. These results were obtained with the weights for the urethra as sensitive tissue set rather low, i.e. representing 
tissue with relatively low risks associated with high light doses. The corresponding histograms of the fluence rate 
distribution in the case of a highly sensitive urethra are shown in Figure 5.d-f. In Figure 5, the weights for the urethra 
were changed from -1, in a-c, to -3, in d-f. 
 

URETHRA 
RECTUM 
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Figure 4 Fluence rate distribution through the central part of the prostate gland. The position of the rectum and the urethra are 
indicated in the cross section. 
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Figure 5 The fluence rate distribution using six treatment fibers for different weights on the sensitive tissue. The upper 
row shows histograms for the fluence rate distribution in a) prostate gland, b) rectum and c) urethra for a low-sensitive 
urethra. The lower row shows corresponding histograms for a high-sensitive urethra. 
 

3.2. Treatment-induced changes 
 
Measured temporal profiles of the light transmission, PpIX fluorescence level and tissue oxygen saturation in between 
patient fibers are shown in Figure 6.a-c. Figure 6.a illustrates how the treatment-induced increase in tissue absorption 
influences the light transmission between optical fibers during one of the treatment sessions performed. In rare cases the 
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light transmission at the treatment wavelength decreased to 30% of the initial transmission as measured prior to delivery 
of the therapeutic irradiation. This increase in tissue optical density severely limits the light distribution throughout the 
prostate and can prevent an efficient treatment. Figure 6.b shows the sensitizer fluorescence signal, reflecting the 
decrease in PpIX concentration as a result of photobleaching. Finally, part c illustrates the average tissue oxygen 
saturation level during the same treatment session. 
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Figure 6 a) Average 635 nm-light transmission between optical fibers during one treatment session. b) Average PpIX fluorescence 
signal at 705 nm. c) Tissue oxygen saturation level during the same treatment. All signals have been normalized to their respective 
initial values. 
 
Figure 7 shows the delivered PDT dose in a cross section of the prostate for three different situations. Figure 7.a 
illustrates the treatment dose after 100 seconds of irradiation if assuming constant parameters, i.e. no variation in light 
transmission, sensitizer concentration or tissue oxygen saturation. The delivered PDT dose in this case has simply been 
obtained by multiplying the fluence rate as shown in Figure 4 by the treatment time. In Figure 7.b, a tissue absorption 
varying according to Figure 6.a has been taken into account when evaluating the PDT dose according to Eq. (4). The 
increase in μa influences only the term φ(r,t) in Eq. (4), whereas the other two parameters were kept constant in 
calculating the delivered PDT dose. The increase in tissue absorption clearly limits the treatment volume.  
 
Finally, Figure 7.c shows the delivered PDT dose when assuming temporal profiles of the light transmission, the 
sensitizer concentration and tissue oxygen saturation according to Figure 6.a-c, respectively. Now all parameters in Eq. 
(4) except the scalar ε displayed time variations, and from the figure it is clear that sensitizer photobleaching and tissue 
de-oxygenation further limits the delivered PDT dose. One should note that no spatial variations of the parameters in 
Eq. (4) have been included in the analysis of the delivered PDT dose.  
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Figure 7 a) Cross section through the central part of the prostate gland showing the PDT dose after 100 s irradiation assuming 
constant optical properties, sensitizer concentration and oxygenation. b) Corresponding PDT dose assuming varying tissue absorption 
coefficient. c) PDT dose after 100 s irradiation when taking into account the variation of the tissue absorption coefficient, sensitizer 
concentration and tissue oxygen saturation according to Figure 6. 
 

4. CONCLUSIONS 
 
An algorithm for optimization of fiber positioning in connection with interstitial photodynamic therapy has been 
implemented based on a genetic computation scheme. The program relies on the knowledge of the tumor geometry, 
including regions of sensitive tissue, and is supposed to execute while the patient is under anesthesia. This has put 
additional requirements on short computation times, which are now on the order of 5 minutes. The algorithm can be 
used for an arbitrary number of optical fibers and arbitrary three dimensional geometries. In the present implementation 
all fibers have equal output powers, but future work includes improving the algorithm to also optimize the individual 
fiber output power.  
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The ability to incorporate sensitive tissue has been implemented by giving different tissue regions different weights, 
whose magnitudes describe the relative importance of giving each individual tissue region a sufficient light dose or the 
risk connected with over-treating a specific tissue type. Substantial work is still required in order to correlate the 
absolute magnitude of these weights to each organ, for example the urethra, the rectum or the urethral sphincter muscle. 
A further possibility that is opened up by including weights. is that the weights can used to reflect any pre-treatment 
knowledge of spatially varying sensitizer accumulation or tissue oxygenation. Central tumor regions, that are already 
necrotic, can be given a lower weight, as can any regions characterized by a higher sensitizer concentration, in order to 
reflect the lowered importance for a high light dose. 
 
The amount of detail included in genetic algorithm can be adjusted and so far the resolution in the proposed fiber 
positions is set to 1 mm, matching the precision in fiber positioning in vivo reported11. Modeling of the light distribution 
throughout the gland and surrounding tissue at this stage can only give a crude approximation of the PDT dose and 
treatment time, since the actual fiber positions will deviate from the proposed configuration and temporal changes of 
light transmission and sensitizer and oxygen concentrations are not taken into account. 
 
Ultrasound or MR can be used to monitor the actual fiber positions, which are then used as input parameters for the 
FEM calculations when modeling the fluence rate distribution and the PDT dose. Knowledge of the light distribution 
forms the basis for predicting treatment times but it is essential to also include the sensitizer and oxygen concentrations 
when calculating the delivered PDT dose. From Figure 7 it is clear that significant changes in treatment volume are 
introduced when we also consider treatment-induced variations in light transmission, sensitizer concentration and tissue 
oxygen saturation in the dose model.  
 
Several definitions of the PDT dose have been proposed. Early work stated a PDT dose based on light and sensitizer 
dose only12. More recent results indicate that the total light dose delivered and sensitizer concentration are not sufficient 
to describe treatment response, and the importance of oxygen for the photodynamic reaction has been emphasized13. For 
example, a high rate of light delivery is believed to induce oxygen depletion and thereby reduced treatment efficiency14. 
In addition, de-oxygenated tissue has been shown to limit the light penetration and thereby the treatment volume15. 
Based on the importance of all three parameters, activating light, sensitizer and oxygen, Wilson et al. introduced the 
concept of explicit dosimetry for PDT6. In an explicit dosimetry model one would need exact knowledge of all three 
parameters in order to determine the PDT dose. This is in contrast to the implicit dosimetry model, introduced by the 
same authors,  where a single parameter is used to describe the treatment dose. This parameter should depend on all 
other variables of importance to the treatment outcome and should also reflect their respective interdependencies. 
Several authors have proposed using the sensitizer photobleaching kinetics as such an implicit dose metric16. The 
instrument described in section 2.1 works along the lines of explicit PDT dosimetry for monitoring the treatment 
progress5. From the ten first treatment sessions we have gained experience on treatment-induced variations of the tissue 
absorption, the PpIX photobleaching and the average tissue oxygen saturation. These results tell us that not only are the 
variations in the parameters used for the explicit dosimetry large, but they are also significantly different from patient to 
patient. Based on the treatment sessions performed so far, there seems to be some interdependence between the 
absorption increase and initial rate of the sensitizer photobleaching, where a higher rate of photobleaching correlates 
with less pronounced overall increase in tissue absorption5. In addition, the treatment-induced changes in tissue optical 
density in the wavelength interval 760-800 nm are consistent with variations in tissue oxygenation and blood volume. 
Though, it seems difficult to predict exactly how much for example the light transmission will change based on 
measurements performed prior to the therapeutic irradiation. This conclusion might of course change as more patients 
are included in the study, but so far we find it essential to monitor all parameters of dosimetric importance during each 
individual treatment session. The inter-patient variations also imply that it is difficult to model the entire treatment 
session in advance and thereby get an estimate of the necessary irradiation time and other treatment parameters, such as 
fiber output power and irradiation fractionation. In a clinical situation it would be necessary to iterate measurement 
sequences and modeling of the PDT dose throughout the entire treatment session.  
 
It should be noted that no spatial variations have been included in the analysis of the delivered PDT dose. Data from the 
treatment sessions showed that the change in tissue absorption coefficient was rather homogeneous throughout the entire 
tumor volume. The rapidly decreasing PpIX fluorescence level mostly reflects the photobleaching occurring close to the 
fiber tips where the fluence rate is very high. Further away from the light sources, the sensitizer bleaching is less and the 
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PpIX concentration stays high for longer time periods. This spatial variation of the sensitizer concentration should be 
taken into account when evaluating the delivered PDT dose throughout the gland. 
 
The tissue oxygen saturation displays only a slight variation with the treatment time as shown in Figure 6.c. One reason 
might that PpIX-mediated PDT does in fact not result in as serious oxygen depletion as other sensitizers, for example 
Foscan and Photofrin, do17. Another plausible explanation is that the highest rate of oxygen consumption occurs close to 
the light delivering fibers where the fluence rate is highest. The signals that are involved in measuring and evaluating 
the tissue oxygen saturation level have traveled several millimeters in the tissue and therefore represent an average of 
the tissue in between the patient fibers. It is expected that this signal, probing large volumes far away from the light 
sources, does not display any major imprint of oxygen depletion18. 
 
When determining the treatment time, the concept of a threshold dose is important. Ultimately the threshold dose should 
express how many singlet oxygen molecules are necessary to induce tissue necrosis and it therefore depends among 
many other parameters on the local fluence rate and sensitizer concentration and the conversion efficiency between 
activated sensitizer molecule and singlet oxygen. The pronounced vascular effects associated with many sensitizers 
further complicate the situation since certain tissue regions might experience severe damage as a result of vascular 
shutdown instead of for example high local sensitizer concentration. Much work is still required in order to define an 
appropriate PDT dose based on some set of parameters and a threshold dose. The maybe most desirable characteristic of 
an implicit dosimetry model is that modeling and monitoring of one single parameter is sufficient. Future work involves 
correlating our explicit dosimetry with for example the sensitizer kinetics.  
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Photodynamic therapy (PDT) for the treatment of prostate cancer has been demonstrated to be a
safe treatment option capable of inducing tissue destruction and decreasing prostate specific antigen
(PSA) levels. However, prostate-PDT results in large intra- and inter-patient variations in treatment
response, possibly due to biological variations in tissue composition and short-term response to the
therapeutic irradiation. Within our group, an instrument for interstitial PDT on prostate tissue
has been developed that combines therapeutic light delivery and monitoring of light transmission
via numerous bare-ended optical fibers. Here, we present algorithms that utilize data on the light
distribution within the target tissue to provide realtime treatment feedback based on a light dose
threshold model for PDT. This realtime dosimetry module is implemented to individualize the light
dose and compensate for any treatment-induced variations in light attenuation. More specifically,
based on the light transmission signals between treatment fibers, spatially resolved spectroscopy is
utilized to assess the effective attenuation coefficient of the tissue. These data constitute input to
a Block-Cimmino optimization algorithm, employed to calculate individual fiber irradiation times
provided the requirement to deliver a pre-determined light dose to the target tissue while sparing
surrounding, sensitive organs. By repeatedly monitoring the light transmission signals during the
entire treatment session, optical properties and individual fiber irradiation times are updated in
realtime. The functionality of the algorithms is tested on diffuse light distribution data simulated by
means of the finite element method (FEM). The feasibility of utilizing spatially resolved spectroscopy
within heterogeneous media such as the prostate gland is discussed. Furthermore, we demonstrate
the ability of the Block-Cimmino algorithm to discriminate between target tissue and organs at
risk (OAR). Finally, the realtime dosimetry module is evaluated for treatment scenarios displaying
spatially and temporally varying light attenuation levels within the target tissue. We conclude that
the realtime dosimetry module makes it possible to deliver a certain light dose to the target tissue
despite spatial and temporal variations of the target tissue optical properties at the therapeutic
wavelength.

PACS numbers: 87.54.Fj, 42.62.Be, 87.53.Tf, 87.53.Bn or 87.58.Sp

I. INTRODUCTION

Photodynamic therapy (PDT) is a cancer treatment
modality in which the extent of tissue damage depends
among other parameters on the light dose, the tissue oxy-
genation and the sensitizer concentration.1,2 For PDT,
clinical treatment protocols often rely on a simplified
light dose threshold model where it is assumed that
only tissue regions exposed to a light dose exceeding a
pre-defined threshold are unreversibly damaged.3,4 The
model holds the advantage that the total light dose is one
of the parameters that can be most easily varied during
a treatment session, although predicting the exact distri-
bution of the delivered fluence requires knowledge of the
optical properties of the target tissue prior to and during
the PDT treatment.

Recently, several groups have investigated intersti-
tial PDT (IPDT) as an alternative to radical prostate-
ctomy, external and internal radiation therapy for the
treatment of localized prostate cancer. For example,
Bown et al.5–7 have used the photosensitizer Temoporfin
(mTHPC, meso-tetra(hydroxyphenyl)chlorin) for treat-

ing secondary and primary prostate cancer. Light de-
livery resulted in significant treatment-induced necrosis
and decreasing prostate-specific antigen (PSA) levels. In
general, complications were minor,6 but PSA eventually
started to increase again with tumor recurrences in 13
out of the 14 secondary cancer patients.5 Weersink et
al.8,9 have reported on IPDT for recurrent prostate can-
cer using the vascular-targeted photosensitizer Tookad
(WST09). Here, lesion formation was observed to pri-
marily depend on the total light dose for the maximum
drug dose (2 mg/kg). Furthermore, Hahn et al.10 have
utilized the photosensitizer motexafin lutetium (MLu) for
the treatment of recurrent prostate carcinoma. Aminole-
vulinic acid (ALA)-PDT has been investigated by Sroka
et al.,11 resulting in decreasing PSA levels and no evi-
dence of incontinence or dysuria following PDT. Among
many others, the cited references indicate that IPDT is
a relatively safe treatment modality capable of inducing
significant tissue necrosis within the prostate.

Ideally, by careful light dosimetry one might target
the entire prostate while sparing sensitive surrounding
organs to minimize recurrences and treatment-related
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complications. However, giving initial evidence for the
complexities associated with prostate-PDT dosimetry,
many PDT-trials on prostate tissue report on large
intra- and inter-patient variations in treatment-induced
necrotic volumes despite delivering similar drug and light
doses.6,8,10 These effects might partly be explained by
inter- and intra-patient variations of the tissue opti-
cal properties, directly influencing the light distribu-
tion within the prostate,8,12,13 as well as any treatment-
induced variations in tissue composition, such as chang-
ing blood volume and tissue oxygenation status.14 Many
authors acknowledge the need for more accurate and indi-
vidualized realtime dosimetry, both for PDT on prostate
tissue5,9,10,15 and in more general terms.16,17 There are
numerous reports on prostate in vivo spectroscopic mea-
surements of parameters related to the PDT effect,
e.g. light8,18 and sensitizer18,19 distribution and tissue
oxygenation18 as well as blood flow and volume.20 Such
studies hold great potential in increasing the understand-
ing of the processes associated with PDT on prostate tis-
sue and in extending clinical prostate-PDT to also incor-
porate individualized treatment dosimetry and realtime
treatment feedback.

Here, we report on algorithms constituting a real-
time dosimetry module for IPDT on prostate tissue
with treatment feedback based on a light dose thresh-
old model. Previously, we have observed significant
treatment-induced changes in tissue optical properties
during IPDT of thick skin tumors,14,21 emphasizing the
need for treatment feedback to compensate the influence
of varying light transmission on the deposited light dose
within the target tissue.22 Our most recent IPDT instru-
mentation therefore incorporates realtime monitoring of
the light transmission signals between patient fibers in
order to evaluate the effective attenuation coefficient at
the therapeutic wavelength. These data together with
information on the tissue geometry are used as input
for a Block-Cimmino optimization algorithm, predict-
ing individual fiber irradiation times. By iterating mea-
surements, calculation of the effective attenuation and
the Block-Cimmino optimization procedure, the irradi-
ation times for each source fiber can thus be continu-
ously updated throughout the treatment session. This
realtime dosimetry module is also referred to as Inter-
active DOsimetry by Sequential Evaluation (IDOSE). In
this work, the finite element method (FEM) is utilized
to simulate light transmission signals within a realistic
prostate model for temporally and spatially varying op-
tical properties. Based on the simulated data set, we
test the ability of the algorithm to track an increase in
the effective attenuation coefficient within the prostate.
Furthermore, via tissue importance weighting within the
Block-Cimmino algorithm we evaluate the possibility to
discriminate between target tissue and organs at risk
(OAR) in terms of the deposited light dose. Finally, the
dose volume histograms (DVHs) of the light dose deliv-
ered during an IPDT treatment with a simulated absorp-
tion increase are compared with and without treatment

feedback. In this way, we demonstrate the feasibility of
an IPDT dosimetry model that ascertains a certain pre-
determined light dose within the target tissue irrespective
of any treatment-induced changes in tissue absorption.

II. METHODS AND ALGORITHMS

A. Treatment procedure

The IDOSE module has been developed for an in-
tended clinical trial utilizing Temoporfin-mediated IPDT
for the treatment of primary prostate cancer. In this
trial, Temoporfin will be administered intravenously 96
hours prior to light delivery at a dose of 0.15 mg/kg b.w.
The IPDT treatment procedure as outlined in Figure 1.a
incorporates pre-treatment and treatment tasks where
a graphical user interface guides the physician through
each step.

At first, a transrectal ultrasound investigation is per-
formed to assess the geometry of target tissue as well as
nearby OAR, step (1). Within a set of 6 to 10 ultrasound
images, the physician delineates the extent of the pro-
static gland, urethra, rectum, upper and lower sphincters
and the cavernous nerve bundles. These tissue contours
are then patched into a three-dimensional voxel repre-
sentation of the geometry containing all organs, step (2).
An iterative random-search algorithm, similar to a simu-
lated annealing type algorithm, is employed to find near-
optimal source fiber positions for each specific prostate
geometry, step (3), as has been described previously.23.
Briefly, for every iteration each fiber is moved a limited
length in a random direction, where the movement is
restricted to prostate voxels and one source fiber per
voxel. The maximum step size is decreased gradually
from three to one voxel to ensure convergence. Follow-
ing a fiber movement, a fitness function value is com-
puted. By optimizing this value, the fluence rate within
the prostate is maximized whereas the light distribution
within the OAR is minimized. A new set of fiber po-
sitions is accepted only if the fiber movement leads to a
higher fitness function value. Typical execution times are
on the order of 45 to 60 minutes. Figure 1.b illustrates
a sample three-dimensional geometry, with 1 mm voxel
side length, including the target tissue, i.e. the prostate,
the OAR, consisting of the urethra, rectum, and normal,
surrounding tissue as well as the source fiber positions.
This geometry, representing the ”test” geometry used in
this work, was created based on eight ultrasound images
from a patient with a glandular volume of approximately
27 cm3. Patient fiber positions were calculated by the
random-search algorithm. In this study, the upper and
lower sphincters are not included in the geometry model.
Utilizing hollow steel needles, the optical fibers, also re-
ferred to as patient fibers, are guided into position, step
(4), with the transperineal approach and transrectal ul-
trasound guidance. Within this fourth step, the physi-
cian is given the opportunity to update the final fiber
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FIG. 1: a) Flow chart illustrating the entire treatment proce-
dure. In the pre-treatment planning, transrectal ultrasound,
step (1), is utilized to create a three-dimensional voxel rep-
resentation of the target geometry, step (2). Source fiber po-
sitions are calculated, step (3), fibers are inserted, step (4),
and their individual irradiation times are predicted, step (5).
During the treatment session, dosimetric measurements, step
(6), and calculations, steps (8) and (9), repeatedly interrupt
the therapeutic irradiation, step (7). Steps (6) and (8) aim
at monitoring and calculating the effective attenuation coeffi-
cient, µeff , respectively. This coefficient is then used to recal-
culate individual fiber irradiation times, ti, thus updating the
dose plan. The treatment session finishes once the remain-
ing irradiation times as predicted by step (9) equal zero. b)
This test geometry was reconstructed from a set of 8 ultra-
sound images and incorporates prostate, rectum, urethra and
normal surrounding tissue. The source fiber locations, calcu-
lated in step (3), are also displayed, indicating the increasing
depths, i.e. as measured from the prostate apex, for fibers 1
to 9, whereas fibers 10 to 18 are positioned with decreasing
depths. Fibers are inserted transperitoneally, as indicated for
sources 2 and 17. The inset is the geometry as viewed from
the prostate base.

positions as these might deviate slightly from the set of
positions calculated by the random-search optimization
algorithm. The geometry model, the actual fiber posi-
tions and a set of default tissue optical properties,13 see
also Table I, are used as input for the Block-Cimmino
optimization algorithm to predict irradiation times for
all source fibers, step (5).

The IPDT session involves iterating measurement, step
(6), and treatment, step (7), sequences. Measurements
are performed prior to and at varying time intervals after
the start of therapeutic light delivery. Immediately fol-
lowing a measurement sequence, delivery of therapeutic
irradiation, step (7), runs in parallel to evaluating the
measurement data to assess the effective attenuation co-
efficient within the prostate gland, step (8). The Block-
Cimmino algorithm, step (9), is then executed in order to
update the irradiation times. Steps (6) to (9) are iterated
until the remaining treatment time as predicted by the
Block-Cimmino algorithm equals zero. The implemented
scheme, where steps (8) and (9) constitute the realtime
IDOSE module, will be described in Section IIC.

B. Hardware

The instrument used during the clinical trial employs
up to 18 bare-ended 400-µm diameter optical fibers for
delivery of therapeutic light around 652 nm, matching
one of the absorption bands of the photosensitizer Temo-
porfin. By means of internal optical beamsplitters, which
have been described in greater detail in Ref. 21, the
instrument can switch between treatment and measure-
ment mode. In treatment mode, the output from individ-
ual 652 nm-diode lasers is coupled into each of the patient
fibers. Pre-treatment calibration guarantees 0.15 W out-
put power per fiber. In measurement mode, output from
the diagnostic light unit, consisting of a 652 nm-diode
laser and a broadbanded near-infrared (NIR) LED, is se-
quentially coupled into each of the patient fibers. For
each light source and patient fiber, the N neighboring
fibers collect the transmitted light. N can in principle
range between 1 and 17 but in this study we let N = 6.
Six spectrometers are used to detect and disperse the
transmission signals between 630 and 840 nm. From the
collected spectra, the 652 nm-light transmission is used to
analyze the tissue effective attenuation coefficient (µeff),
see further Section II C 1. Furthermore, the instrument is
capable of monitoring the sensitizer fluorescence follow-
ing excitation at 652 nm and the tissue NIR absorbance
by the transmission signals around 720 nm and between
740 and 820 nm, respectively. However, these parame-
ters, related to Temoporfin distribution and tissue oxy-
genation, are not included in the feedback scheme as the
current dose metric is based on the light dose only.

Within homogenous tissue phantoms, containing wa-
ter, Pelikan Fount India Ink (Hannover, Germany) and
Intralipid (Fresenius Kabi, Uppsala, Sweden) to give
µa ∈ [0.4, 0.7] cm−1 and µ′s ∈ [7.4, 11.0] cm−1, µeff could
be determined with an accuracy of ±10%. This accuracy
is in agreement with previously reported results.24,25 A
more detailed analysis of system performance and initial
clinical data will be part of a future publication.
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C. IDOSE

1. Optical properties

As the measurement sequences are executed during the
therapeutic session it is of ample importance that the
scheme used to evaluate the tissue optical properties from
the light transmission signals is fast and requires limited
computational cost. All measurements are performed in
steady-state with source-detector separations on the or-
der of 9 to 25 mm where diffuse light propagation can be
assumed. As no absolute fluence rate measurements are
performed, there is no possibility to separately assess the
absorption and reduced scattering coefficients. Instead,
the evaluation scheme aims to quantify the effective at-
tenuation coefficient, µeff =

√
3µa(µa + µ′s). For each

patient fiber, only six detection fibers are used, thus re-
stricting the probed tissue volume to regions close to the
source fiber. Within each of the 18 partially overlapping
sub-geometries, the tissue is assumed homogeneous and
characterized by a fiber-specific µeff(i). The fiber posi-
tions are sorted so that fibers 1 to 9 are located within
the left lateral lobe of the gland at increasing distance
from the prostate apex. Fibers 10 to 18 are sorted in
decreasing order from the apex but within the right lat-
eral lobe. For each source fiber i the N neighbors used for
light transmission measurements are i-N/2,. . . ,i+N/2. In
this way, probing light transmitted through the urethra
is minimized.

By modeling the interstitially positioned source fibers
as isotropic point sources, the Green’s solution to the
diffusion equation can be used to describe the fluence
rate;

φij =
P µ2

eff(i)

4πµa|rj − ri| exp
(−µeff(i)|rj − ri|

)

i = 1, .., 18
j = 1, .., N (1)

Here, φij denotes the fluence rate at a location rj due to
a point source at ri and P is the fiber output power. By
the isotropy assumption we thus ignore the contribution
of the radiant flux, j, to the detected signal.26 However,
for the range of source-detector separations and optical
properties encountered in in vivo prostate tissue, the flu-
ence rate term typically exceeds the flux term by a factor
15-20.

Both φij and φji are measured and hence 2N measure-
ments can be used to assess the fiber-specific µeff(i). Ide-
ally, the logarithm of the fluence rate multiplied by the
source-detector separation, |rj − ri|, is a first order poly-
nomial with respect to |rj−ri|, where the slope yields µeff

according to Eq. (2). The linear fit is performed for each
source fiber, resulting in 18 different coefficients, µeff(i).

ln(φij|rj − ri|) = ln

(
P µ2

eff(i)

4πµa

)
− µeff(i)|rj − ri| (2)

TABLE I: Input parameters for the module evaluating target
tissue optical properties. SNR threshold and r-range control
what transmission signals are utilized for the linear fit and
all evaluated µeff(i) are checked to lie within the µeff range,
otherwise they are set to µeff default.

Parameter Value
SNR threshold 3
r-range 8 mm
µeff range 1-8 cm−1

µeff defaulta 3.7 cm−1

aSee Ref. 13, where µa = 0.5 cm−1 and µ′s = 8.7 cm−1.

To reject non-valid measurements, for example caused
by blood pooling at any fiber tip, only transmission sig-
nals with a sufficient signal-to-noise-ratio (SNR) are uti-
lized. Here, the SNR is defined as the light transmis-
sion summed between 648 and 656 nm divided by the
standard deviation (SD) of detector dark noise. Also,
the source-detector separations must span a sufficiently
large distance to allow a robust linear fit and validity
of Eq. (2). In the current implementation, the algo-
rithm used for evaluating µeff(i) thus requires specifying
a SNR-threshold as well as a minimum range for |rj−ri|.
If the number of valid measurements is less than six for
a particular source fiber, due to either noise rejection or
too limited source-detector distances, the transmission
signals from two source fibers are combined and incor-
porated into the linear fit. This effectively expands the
volume of the analyzed sub-geometry. If the number of
valid measurements within the expanded sub-geometry
is still less than six, further addition of sub-geometries
is performed. The maximum number of included sub-
geometries is 18, for which case the whole tissue geometry
is analyzed as one unit. In the data post-processing, the
evaluated effective attenuation coefficients are checked to
be within a pre-defined range, otherwise all µeff(i) are set
to a default value. Table I lists specific parameters that
are used within this software module.

2. Irradiation times

The Cimmino optimization algorithm has previously
been used for external radiotherapy treatment planning27

and also very recently for determining light diffuser po-
sitions, lengths and strengths in prostate IPDT treat-
ment planning.28 Here we employ the Block-Cimmino
optimization algorithm29 for the inverse problem of find-
ing individual irradiation times, ti, for I isotropic point
sources within a specific tissue geometry with certain op-
tical properties. The optimization conditions can be ex-
pressed as the requirement to deliver a light dose exceed-
ing a pre-determined threshold dose to the target tissue,
i.e. the prostate glandular tissue, while minimizing the
dose to the OAR, here defined as the urethra, rectum and
normal, surrounding tissue. As already mentioned, the

210



Paper VIII

5

PDT dose is based on the fluence, i.e. the fluence rate,
φ, multiplied by the irradiation time, t. This simplifica-
tion effectively means assuming homogenous photosen-
sitiser distribution, as might be better justified at the
long drug-light interval used in our clinical study, as well
as ignoring effects of treatment-induced tissue hypoxia.
The optimization problem is thus formulated as satisfy-
ing the following system of inequalities for the fluence in
all tissue voxels;

Lj ≤ 〈φj, t〉 =
∑

i

φijti ≤ Uj j = 1, 2, .., J

ti ≥ 0 i = 1, 2, .., 18 (3)

Here, J is the number of tissue voxels and Lj and Uj

represent tissue type specific lower and upper threshold
doses, respectively. Table II lists the thresholds used in
this study. These threshold levels were found reasonable
from the clinical work previously published by Bown et
al.6 No upper dose limit was imposed on prostate tis-
sue as might be motivated by the presence of sensitizer
photobleaching, the lack of hyperthermic effects associ-
ated with interstitial light delivery in prostate tissue30

and the occurrence of only relatively minor treatment-
related complications.5,6 φij is given by Eq. (1), where
each source fiber is characterized by a specific µeff(i) as
described in Section IIC 1. A fiber output power of 0.15
W is assumed for all fibers. In calculating the fluence
rate distribution, we separate the absorption and reduced
scattering coefficients by letting µ′s = 8.7 cm−1 and de-
termine µa(i) from µeff(i).

The current implementation uses the block-action
scheme as outlined by Censor et al.,29 where each voxel is
ascribed a block corresponding to its tissue type, differ-
entiating between prostate, urethra, rectum and normal
tissue. The algorithm is based on an iterative scheme,
starting from an arbitrary point in I-dimensional space.
Non-violated constraints do not affect the new solution,
whereas voxels experiencing light doses outside the spec-
ified range bring the successive iteration closer to the
optimal solution defined by Eq. (3). This procedure is
described mathematically in Eqs. (4) and (5).

t̂k+1 = tk + λk

∑

j∈Bs

αjsj(tk)φij

tk+1 =

{
t̂k+1 if t̂k+1

j ≥ 0
0 if t̂k+1

j < 0
(4)

where

sj(y) =





0 if Lj ≤ 〈φj, y〉 ≤ Uj
Uj−〈φj,y〉
‖φj‖2 if Uj < 〈φj, y〉

− 〈φj,y〉−Lj
‖φj‖2 if 〈φj, y〉 < Lj

(5)

The iterations are stopped either when the solution
has converged or when a stipulated maximum number of
iterations, here set to 50, has been reached. To improve
initial convergence, the relaxation parameter λk is set to

TABLE II: Input parameters for the Block-Cimmino opti-
mization algorithm. Lj and Uj denote lower and upper light
dose thresholds (J/cm2), respectively, and αj are the tissue
importance weights.

Parameter Prostate Rectum Urethra Normal
Lj (J) 5 0 0 0
Uj (J) ∞ 5 5 5
αj 10 5a 0.1 1e-8

aVaried between 1e-4 and 500, see Figure 4.

20, but this parameter is successively decreased in case
oscillations occur between iterations. Each tissue type,
i.e. block Bs, is given a certain weight, αj, which reflects
the punishment associated with delivering a light dose
outside the allowed interval. The sum of these tissue
weights is normalized. In order not to let normal tissue
voxels far away from the prostate influence the iterates
in Eq. (4), only a certain number of the normal tissue
voxels experiencing the highest light doses are included.
This number is calculated as the number of voxels on the
surface of a sphere with the same volume as the prostate
gland. The explicit αj values used in this study are given
in Table II.

Except for the first time the Block-Cimmino algo-
rithm executes, the fraction of the entire treatment ses-
sion already completed during the previous treatment se-
quence(s) is subtracted from the newly calculated irradi-
ation times. The output thus constitutes the remaining
irradiation times based on the current set of µeff(i). When
all µeff(i) display no pronounced variation, for example
change by less than 10%, as compared to the previous
measurement sequence, or, in the case of the first mea-
surement sequence, relative to the pre-treatment plan,
which utilizes the default value of µeff given in Table I,
the Block-Cimmino algorithm is not executed. Instead,
remaining fiber irradiation times are calculated by sim-
ply subtracting the duration of the previous treatment
sequence.

Although the Cimmino algorithm does not allow for
straightforward implementation of DVH constraints,31
here we use the resulting DVHs to check the light dose
distribution. In general, DVHs provide information on
the tissue fractional volume that receives a certain treat-
ment dose. For all results, the DVH doses equal the flu-
ence, i.e.

∑
i φijti, where ti are calculated by the Block-

Cimmino algorithm and φij are modeled by means of the
FEM, see Section II D. The importance weights, αj, are
empirically adjusted to reflect the sensitivity of the dif-
ferent OAR and to discriminate these organs from the
target tissue. In this paper, we aim at delivering a light
dose exceeding our pre-defined threshold in 90% of the
target tissue, whereas a maximum of 25% of the voxels
representing the rectum is allowed this light dose. No
dose restrictions are imposed on normal tissue and ure-
thra.
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D. Modeling the light distribution

To provide realistic input for the realtime dosime-
try module, the FEM (Multiphysics 3.3 R©, Comsol AB,
Stockholm, Sweden) is used to model the fluence rate dis-
tribution, φij, within the geometry illustrated in Figure
1.b. As the PDT dose is based on the fluence only, photo-
sensitizer and oxygen distributions are not modeled. The
target and risk organs are surrounded by a tissue block,
representing normal tissue. With a side-length of 60 mm
this block is sufficiently large for boundary effects not to
influence the solution. The fluence rate is determined by
solving the steady-state diffusion equation;

−∇ · (Dj∇φij) + µa(j)φij = S(ri) i = 1, .., 18. (6)

Here, the diffusion coefficient Dj = [3(µa(j)+µ′s(j))]
−1 and

the bare-ended fibers, constituting the 18 source terms
S(ri), are modeled as isotropic point sources with 0.15 W
output power. The partial current boundary condition is
implemented at the boundaries;32

n̂ ·Dj∇φij +
1
2

[1−Reff

1 + Reff

]
φij = 0. (7)

For all boundaries, Reff=1, except for the prostate-
urethra interface where Reff=0.493 to model an air-filled
urethra. Eq. (6) is solved 18 times, i.e. with one source
fiber active at a time, resulting in the fluence rate distri-
bution due to each of the 18 sources. For each solution,
the fluence rate at the positions of the six neighboring
fibers is assessed as a means to quantify the light trans-
mission between patient fibers. Here, we chose to match
format of the simulated data, consisting of single num-
bers representing φ(rij) at the treatment wavelength, to
the data format used in the clinical setting, i.e. spec-
trally resolved transmission data between 630 and 840
nm. Thus, each transmission number resulting from a
FEM simulation is set to represent the peak transmis-
sion signal at 652 nm and a full transmission spectrum is
constructed by fitting a Gaussian function with a HWHM
of 2 nm centered at this wavelength. Furthermore, white
Gaussian noise with SD=0.1% of the maximum transmis-
sion signal is added to each spectrum between 630 and
840 nm to represent detector dark noise.

The FEM simulation process is performed for five levels
of light absorption within the prostate. Table III lists the
optical properties used in the simulations. For each sim-
ulation, spatial variations of the prostate tissue optical
properties are modeled by adding white Gaussian noise
with a SD of 10 and 5% to the absorption and reduced
scattering coefficients, respectively. These noise data are
generated for every fifth voxel within the geometry model
and is linearly interpolated to voxels in between. In this
way we try to correctly model spatial variations of the
optical properties typically found in prostate tissue.18 In
Eqs. (6) and (7) this spatial dependency is indicated by
the subscript j. The possibilities of incorporating well
defined and spatially varying absorption and scattering

TABLE III: Optical properties used for the five FEM simula-
tions of the fluence rate. All units are in [cm−1].

Prostate Rectum Urethra Normal
µa 0.3,0.4,0.5,0.6,0.7 0.3 air-filled 0.3
µ′s 8.7 8 air-filled 8
µeff 2.8,3.3,3.7,4.1,4.4 2.7 air-filled 2.7

coefficients as well as tissue heterogeneities were the main
motivations for choosing FEM simulated data on light
transmission levels instead of experimental data within
tissue phantoms.

III. RESULTS

A. Optical properties

We used light transmission data simulated by the FEM
as input for the software module developed for evaluating
the effective attenuation coefficients. Figure 2.a shows
the individual µeff(i) evaluated from the modeled data set,
and in Figure 2.b the data have been averaged for the 18
source fibers for each absorption level. The average µeff

(solid line) illustrates an underestimation as compared to
the prostate-µeff used in the simulations (dashed line),
also referred to as the true µeff . The error bars denote
±1SD. µeff was not underestimated when evaluating sim-
ulated data for a totally homogeneous medium. It was
also observed that for the geometry and range of tissue
optical properties used in this work, varying the SNR-
threshold between 1 and 10 had negligible influence on
the average µeff .

A sensitivity analysis was performed to investigate the
influence of the heterogeneous geometry, i.e. the lower at-
tenuation levels within urethra and normal, surrounding
tissues, on the transmission measurements. Considering
absorbing heterogeneities, the change in the fluence rate
at position rj from a point source at ri, i.e. φij, due to an
absorption change in a voxel at rk, ∆µa(k), is given by;33

∆ln(φij) = Jijk∆µa(k) = −GikGkj

Gij
∆µa(k) (8)

Here Gik is the Green’s solution to the diffusion equa-
tion for the fluence rate in voxel k due an isotropic point
source at ri, see also Eq. (1). Gkj and Gij are defined
analogously. J is the Jacobian, which was calculated on
the FEM-mesh for all source-detector pairs. To quan-
tify to what extent the transmission signals probe the
target tissue and the different OAR, a fiber- and tissue
type-specific Jacobian was evaluated;

J̃i,Bs =
∑

k∈Bs

6∑

j=1

Jijk i = 1, .., 18 (9)

Bs represents any of the tissue types included in the ge-
ometry and index j relates to the six neighboring detec-
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FIG. 2: a) The evaluated µeff(i) for different levels of absorp-
tion within the prostate. The FEM was utilized to provide
data on light transmission signals within a realistic prostate
geometry. Here, µ′s=8.7 cm−1 within the prostate for all sim-
ulations. b) Evaluated µeff (solid) averaged over all fibers as
a function of the true µeff (dashed). Error bars denote ±1SD.

tion fibers. Figure 3.a is a bar plot displaying J̃i,Bs nor-
malized with respect to the total sum of the Jacobian for
each patient fiber. The relative error between the true
and evaluated µeff(i) is also included in the graph. For
most source fibers, a large error of the evaluated µeff(i)

corresponded to high J̃urethra and/or J̃normal. Figure 3.b
displays J̃Bs summed along the prostate depth dimension
for the monitoring sub-geometries corresponding to fibers
6, 14 and 17. Here, fiber 6 probed mostly prostate tissue
and correspondingly was associated with a small rela-
tive µeff -error. On the other hand, fibers 14 and 17 also
detected light transmitted via normal, surrounding tis-
sue and urethra, leading to worse µeff -estimations. From
Figure 3.a it can be observed that fiber 12 was asso-
ciated with a much smaller error than fiber 14 despite
having similar J̃urethra. However, a more detailed anal-
ysis showed that for fiber 14 it was the transmission to
only one detection fiber that probed the urethra, whereas
for fiber 12 the transmission to all six detection fibers
probed the urethra to an equal but small extent. The
linear fit performed to extract µeff(i) was therefore char-
acterized by a better goodness for fiber 12 than for 14.
To summarize, the underestimation of the effective at-
tenuation coefficient could be explained by the presence
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FIG. 3: To quantify to what extent the heterogeneous tissue
structure influences the transmission signals, the Jacobian ac-
cording to Eq. (9) was studied utilizing FEM-simulated data
for µeff=3.7 cm−1. a) The fiber- and tissue type-specific Ja-
cobian, normalized for each source fiber, together with the
relative error of the evaluated µeff(i). The influence of rec-

tum was negligible. b) Isosurfaces of J̃ summed in z-direction
for fibers 6, 14 and 17. Fiber 6 is associated with a small
relative µeff -error as it detects transmitted light that mostly
probes prostate tissue. Fibers 14 and 17 probe larger fractions
of the urethra and normal, surrounding tissue, respectively,
resulting in a pronounced underestimation of the effective at-
tenuation coefficient.

of the air-filled urethra and the lower overall attenuation
within the remaining organs, especially influencing light
transmission between fibers close to either the urethra or
the periphery of the prostatic gland.

B. Irradiation times

The possibility of imposing varying sensitivity on the
OAR was investigated by studying the predicted irradi-
ation times and delivered light doses after changing the
importance weight on the rectum. As an example, Fig-
ure 4.a shows the DVHs of the delivered light dose for
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αj(rectum)=0.01. The weights on the remaining organs
remained fixed at values given in Table II. For all cal-
culations, µeff(i)=3.7 cm−1 within the target tissue. The
dashed lines are used to illustrate that approximately
43% of the rectum was exposed to the threshold light
dose for this set of importance weights. The correspond-
ing number, hereafter referred to as the treatment frac-
tion, was 98% for prostate tissue indicating that almost
the entire gland was targeted. The αj(rectum) was varied
between 1e-4 and 500 and the treatment fractions for each
tissue type are plotted in Figure 4.b. For αj(rectum)>1
the rectum was better discriminated from the target tis-
sue and the treatment fraction of the prostate gland was
still sufficiently large. In Figure 4.c, the individual fiber
irradiation times for αj(rectum)=1e-4 (white bars) and
500 (black bars) are shown. From this plot, it is inter-
esting to observe that for higher sensitivity on the rec-
tum, the irradiation times of source fibers close to this
organ, i.e. fibers 2, 6, 12, 13 and 16, were decreased,
whereas for source fibers positioned at the greatest dis-
tance from the rectum, i.e. fibers 1, 4, 5, 8, 11, 15, 17
and 18 that are positioned within the anterior part of the
gland, were prolonged. These effects can be explained by
the relatively high αj on the prostate, directing the Block-
Cimmino optimization algorithm towards a solution that
theoretically will treat as large fraction of the target tis-
sue as possible. For the case of the highest αj(rectum),
the source fiber positions were most likely not optimal
and thus fibers distant from the rectum were forced to
deliver a much larger light dose. This helps explain the
drastic increase of the total delivered light energy, defined
as the sum of all fiber irradiation times multiplied by the
0.15 W output power, from 865 (at αj(rectum)=1e-4) to
1350 J (at αj(rectum)=500). From Figure 4.c it can be
seen that the total treatment time, as determined by the
maximum irradiation time, was not greatly influenced by
the varying importance weight. In general, we have ob-
served that for a certain µeff , the total treatment time
is primarily determined by the geometry, i.e. the size of
the target tissue as well as the source positions. Due to
the rapid decay of the fluence rate with distance from
an isotropic point source, the total treatment time in-
creases dramatically with the glandular volume. For the
remainder of the results, αj(rectum) is set to 5.

Figures 5.a and b illustrate the consequences on DVHs
and irradiation times of increasing the absorption coef-
ficient within the prostate. Here, µa=0.3 (dotted), 0.5
(dash-dotted) or 0.7 (solid) cm−1 whereas µ′s=8.7 cm−1.
Thus, µeff(i)=2.8, 3.7 or 4.4 cm−1 were used as input for
the Block-Cimmino optimization algorithm for all source
fibers. Three observations are worth mentioning; firstly,
the DVHs in Figure 5.a indicate some overtreatment of
the rectum; secondly, higher µeff within the prostate re-
sults in a larger treatment fraction of the target tissue;
and thirdly, whereas the total light energy increased from
420 (at µa=0.3 cm−1) to 1065 J (at µa=0.7 cm−1), the
total treatment time, as determined by the maximum ir-
radiation time, was only increased by 90 s. These effects

can all be explained by the rapid decrease of the fluence
rate with distance from a point source, the assumption of
an infinite, homogeneous medium inherent in the current
implementation of the Block-Cimmino optimization al-
gorithm and the ability of the optimization algorithm to
converge to a close approximation of the least-intensity
feasible solution.34 Firstly, the Block-Cimmino algorithm
underestimated the light propagation within the OAR
due to the lower absorption and scattering levels of these
organs used in the FEM model. The overtreatment was
thus more pronounced the larger the difference of µeff

between target tissue and OAR. Secondly, the increased
treatment fraction of the target tissue for the higher ab-
sorption levels is due to the more rapid decay of the flu-
ence rate with r for increasing µeff . From the expression
∂φ
∂r ∝ ∂

∂r

[
1
r exp(−µeffr)

]
, derived from Eq. (1), it is evi-

dent that the transition zone between treated, i.e. light
doses above the threshold, and untreated, i.e. light doses
below the threshold, regions becomes more narrow the
higher the effective attenuation coefficient. Thus, under
the assumption of an infinite, homogeneous medium in-
herent in the optimization algorithm it is theoretically
easier to discriminate between target tissue and OAR for
higher µeff levels. Finally, from the perspective of op-
timizing the treatment volume in relation to the total
treatment time it is more ”cost-effective” to distribute
the higher light doses required among all patient fibers.
This means that for increasing absorption, the relative
increase in individual irradiation times was largest for
fibers characterized by initially short irradiation times,
located close to the rectum, than for fibers characterized
by the longest irradiation times, positioned in the periph-
eral regions of the prostate gland but further away from
the rectum. One should observe that an absorption in-
crease inevitably introduces a spatial shift of the treated
tissue volume as glandular regions closer to the OAR are
favored instead of the prostate periphery. In conclusion,
the Block-Cimmino algorithm achieved better targeting
of the prostate gland at the expense of overtreating the
OAR for higher µa.

C. IDOSE module

The performance of the IDOSE module, i.e steps (8)
and (9) in Figure 1.a, was evaluated on treatment sce-
narios displaying both temporally invariant and varying
target tissue optical properties. As in Section III A, light
transmission signals obtained from the FEM simulations
were utilized as input for the module evaluating the tar-
get tissue optical properties.

Figure 6.a shows the total delivered light energy pre-
dicted by the IDOSE module (square markers) as a func-
tion of the prostate µeff assuming this coefficient would
remain constant throughout the entire treatment session.
The total light energy calculated by the Block-Cimmino
optimization algorithm when utilizing the true µeff as in-
put are also shown (diamond markers). Firstly, the graph
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illustrates a dramatic increase in light energy, and thus
total irradiation times, with higher overall absorption.
Secondly, the underestimation of µeff , as already shown
in Figure 2, decreased the demand on total light energy.
This effect was more pronounced for the higher µeff -
levels. Figure 6.b compares the DVHs of the delivered
light dose for a true µeff=3.7 cm−1. Dashed and solid
lines correspond to true and evaluated µeff , respectively,
indicating a lower treatment fraction of the prostate re-
sulting from underestimating the light attenuation coef-
ficient. On the other hand, the treatment fractions of
the remaining organs were rather insensitive to the er-
ror associated with the µeff -evaluation. The influence
on the treatment fraction of the prostate caused by un-
derestimating the light attenuation can be decreased by
increasing the target tissue importance weight (data not
shown).

The IDOSE module was also tested on a treatment
scenario displaying temporally varying µeff . The time-
dependent µeff is indicated by the solid line in Figure
7.a. Such a situation might correspond to a treatment-
induced tissue deoxygenation combined with an increased
blood volume that gradually levels as the blood flow is
limited by the vascular effects of the PDT treatment.
A similar absorption increase has been observed during
in vivo IPDT on massive skin tumors.14 In the graph,
the dashed line represents the default effective attenua-
tion coefficient upon which the pre-treatment plan, i.e.
steps (3) and (5) in Figure 1.a, was based. Furthermore,
shaded areas indicate treatment sequences and squares
denote measurement sequences performed after 0, 1, 2,
3, 4, 5, 7, 9 and 11 min of therapeutic irradiation. The
three µeff -levels in Figure 7.a correspond to the three sets
of optical properties in Table III with the highest absorp-
tion coefficient. Data on light transmission were thus ac-
quired from the three sets of FEM-simulations performed
for these absorption levels and used as input for the algo-
rithm evaluating µeff(i). Hence, transmission data were
identical for monitoring sequences 3 and 4 as well as for
sequences 5-9. Following each measurement sequence,
µeff(i) were evaluated from FEM modeled light transmis-
sion signals and used as input for the Block-Cimmino
algorithm, updating individual fiber irradiation times.
Figure 7.b compares the resulting DVHs of the delivered
light dose for the cases of no treatment feedback, i.e.
irradiation times as calculated based on the first mea-
surement sequence, (dashed lines) and with treatment
feedback (solid lines) based on continuous measurements
and µeff(i)-evaluation. The treatment fraction of the tar-
get tissue was larger for the case of treatment feedback
(∼96%) as compared to no treatment feedback (∼86%).
Finally, Figure 7.c shows the fiber irradiation times with-
out (white bars) and with (black bars) treatment feed-
back. The treatment feedback quite naturally increases
the total delivered light dose as compared to a treatment
situation without any treatment feedback. However, only
source fibers 2, 4, 13, 14, 16 and 17, characterized by ini-
tially short irradiation times, are forced to emit higher

light doses. The irradiation times of all other treatment
fibers remain constant or even decrease slightly. These
effects are explained by on the one hand the tendency
of the Cimmino optimization algorithm to yield an ap-
proximation of the least-intensity feasible solution and on
the other the possibility to better discriminate between
target and sensitive tissue for higher light attenuation.
These factors, already discussed in relation to Figures 5
and 6, force the optimization algorithm to target prostate
regions closer to the urethra and rectum, as the OAR
are more easily discriminated due to the higher absorp-
tion levels. In conclusion, for this temporal behavior of
the effective attenuation coefficient the feedback enables
a larger treatment fraction without prolonging the over-
all treatment time by introducing a spatial shift of the
treatment volumes.

D. Robustness and error analysis

Here, we discuss the influence of deviating fiber posi-
tions, due to a limited accuracy when guiding patient
fibers into position, and varying scattering levels, i.e.
µ′s 6=8.7 cm−1, on the resulting prostate treatment frac-
tion. As described in Section II C 2, µa is solved for from
µeff assuming a constant scattering coefficient. Devia-
tions in calculated fluence rate distribution thus occur
whenever the reduced scattering coefficient deviates from
the assumed value.

To quantify these errors, homogeneous optical prop-
erties were assumed within the geometry shown in Fig-
ure 1.b and Eq. (1) was used for calculating the fluence
rate distribution. The fiber positions were slightly al-
tered in all three dimensions, where the deviations were
independent and sampled from a normal distribution of
zero mean and 2 mm SD. The data were simulated us-
ing µa ∈ [0.36, 0.61] cm−1 and µ′s ∈ [6.8, 10.06] cm−1.13
As described for the IDOSE module, µeff(i) were solved
for from the fluence rate distribution and the DVHs were
calculated from the irradiation times shown in Figure 7.c
(white bars). This procedure was repeated 100 times for
each set of absorption and reduced scattering levels. The
resulting prostate treatment fractions were compared to
those calculated utilizing true fiber positions and µ′s=8.7
cm−1. Treatment fraction deviations, ∆DV H100%, were
quantified by Eq. (10).

∆DV H100% =
DV Htrue

100% −DV HIDOSE
100%

DV Htrue
100%

× 100 (10)

where superscript true refers to actual, shifted fiber posi-
tions, and true optical properties whereas IDOSE refers
to fiber positions and optical properties assumed by the
IDOSE model.

After introducing the spatial shifts of the fiber posi-
tions, the evaluated µeff(i) were on average overestimated
by +5% (data not shown). For all r, | ∂φ

∂r |∆r>0 > |
∂φ
∂r |∆r<0, where ∆r is the fiber position shift. This dif-
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ference is larger at small r, leading to a steeper slope in
Eq. (2) and apparently increasing the effective attenua-
tion coefficient.

Figure 8 illustrates the treatment fraction deviations
for shifted fiber positions and varying tissue optical prop-
erties. Erroneous fiber positioning leads to lowered treat-
ment fractions as shown by the solid curves. The errors
are on the average -1% and -6% for the lowest and highest
absorption coefficient, respectively, leading to an under-
treatment of the prostate gland. This undertreatment is
caused by combination of non-optimal fiber positions and
falsely predicted optical properties. For shifted fiber posi-
tions, the assumption of a constant µ′s has a minor impact
on the delivered light dose as shown by the flat appear-
ance of the solid curves over the range of optical proper-
ties presented here. Considering the treatment fractions
retrieved using true fiber positions, i.e. the dashed curves
in Figure 8, the errors are within ±1% and ±3% for the
lowest and highest absorption coefficient, respectively.

IV. DISCUSSION

As IPDT on tissue has been shown to cause changes
in light transmission and there exists a large biological
variability of the prostate tissue composition, light doses
required to treat the entire prostate gland are likely to
vary between patients. This has raised increasing inter-
est in individualizing treatment parameters, such as the
delivered light dose,15 and introducing realtime treat-
ment feedback.17 Here, we have presented a treatment
procedure for IPDT on prostate tissue incorporating re-
altime treatment monitoring and feedback based on a
light dose threshold model. Algorithms have been im-
plemented that utilize light transmission signals between
patient fibers in order to assess the effective attenuation
coefficient within the target tissue. These coefficients are
utilized as input for a Block-Cimmino optimization algo-
rithm, thus updating individual fiber irradiation times.
By iterating measurement sequences during the entire
treatment session, we aim at individualizing the delivered
light dose and compensate for any treatment-induced al-
terations of the light attenuation within the target tis-
sue. To evaluate the performance of the realtime dosime-
try module, the FEM was utilized to model the diffuse
light distribution within a realistic prostate model. The
model geometry included an air-filled urethra, lower lev-
els of absorption and scattering within tissue surround-
ing the prostate as well as local variation in the prostate
tissue optical properties. Due to the difficulties of fab-
ricating a tissue phantom with such characteristics, we
chose to evaluate the realtime dosimetry module on sim-
ulated light transmission data. In addition, the use of the
FEM was essential in evaluating the true DVHs from the
predicted irradiation times in each treatment scenario.

As was demonstrated in Figure 2, the µeff -increase
could be tracked but it was consistently underestimated.
This effect was explained by the fact that the transmis-

sion signals for some source-detector fiber configurations
also probed the urethra, which was modeled as air-filled,
and/or the normal, surrounding tissue, characterized by
lower levels of absorption and scattering. The method of
spatially-resolved spectroscopy tends to average the effect
of any heterogeneity throughout the entire tissue volume
probed by the transmitted light. Although the measure-
ment configuration was determined by the desire to avoid
probing the urethra, this heterogeneity had pronounced
influence on the evaluated attenuation coefficients. One
important conclusion to be drawn from these results is
that the prostate gland is small enough to allow sur-
rounding organs to influence the diffuse light distribution.
When relying on spatially resolved spectroscopy and dif-
fuse light propagation for assessing the target tissue opti-
cal properties, one should be aware of these effects. The
evaluation method presented herein is subdomain-based
where neighboring subdomains probe greatly overlapping
tissue regions. The possibilities of improving spatial res-
olution and incorporating spatial priors constitute ad-
vantages of voxel-based methods, such as diffuse optical
tomography (DOT). The sensitivity analysis presented
in Section IIIA constitutes a first step towards a future
voxel-based method for reconstructing the tissue optical
properties.

From the DVHs in Figure 6.b, it was evident that the
underestimation of µeff caused a slight undertreatment
of the prostate. However, when in the clinical situation
the treatment of the entire prostate gland is deemed es-
sential, an undertreatment can be reduced by increasing
the importance weight of the target tissue. The presence
of other tissue heterogeneities, such as calcifications and
local blood accumulation, constitutes a further challenge
to the algorithm assessing µeff(i). Due to the strong ab-
sorption by hemoglobin, light transmission signals to and
from occluded fibers will be characterized by poor SNR.
The SNR-threshold for including a transmission signal
can be adjusted to exclude fibers with large amounts of
blood in front of the fiber tips. When ignoring data from
one fiber, the current algorithm instead includes more
distant fibers for evaluating µeff(i), thereby averaging the
level of light attenuation over larger volumes and mak-
ing the procedure less sensitive to the presence of a few
local heterogeneities. Extended simulations and in vivo
clinical data are required to optimize the SNR-threshold.

The Block-Cimmino optimization algorithm was used
to solve for individual fiber irradiation times provided the
requirement to deliver a pre-determined light dose to the
target tissue while sparing surrounding, sensitive organs.
The importance weights, αj , were adjusted to reflect the
relative sensitivity of the OAR. As was seen in Figure
4.b, increasing the importance weight of the rectum low-
ered the light doses within this organ. In this study,
the urethra was not considered a particularly sensitive
organ due to the transient periods of catheterization re-
ported by others.6 In contrast to Altschuler et al.28, who
investigated the use of the Cimmino optimization algo-
rithm for PDT pre-treatment planning, we observed pro-
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nounced effects on the deposited dose distribution when
varying the tissue importance weights. However, that
study is different from this work in that diffusing fibers
and spatially homogeneous optical properties were used.
A simplification of the present implementation is the as-
sumption of an infinite, homogeneous medium inherent
in the optimization problem as formulated in Eqs. (3)
and (1). As already discussed, the presence of tissue het-
erogeneities makes this assumption erroneous. However,
the shorter calculation times achievable when utilizing
the analytical expression for φij as compared to for ex-
ample a FEM-based model are most important for the
realtime feedback scheme outlined here.

The influence on DVHs and irradiation times of vary-
ing the effective attenuation coefficient was studied in
Figure 5. Despite more than doubling the absorption co-
efficient, the treatment fraction of the prostate remained
relatively constant, indicating a certain robustness of the
Block-Cimmino algorithm. However, the higher the ab-
sorption within the prostate, the larger the treatment
fraction of the OAR. This overtreatment was due to the
assumption of an infinite, homogeneous medium, thus
underestimating the light propagation within the organs
surrounding the target tissue. As already discussed in
Section III B, for an infinitely large and homogeneous
medium it is theoretically easier to discriminate between
target tissue and OAR the higher the µeff . Although no
clinical data exist to justify the lower µeff within the sur-
rounding tissue used in our model, the current geometry
was employed to exploit the capabilities and shortcom-
ings of our dosimetry module.

The concept of realtime treatment feedback was tested
by executing the algorithms constituting the realtime
dosimetry module on a simulated treatment session with
temporally varying absorption. Here, the effective atten-
uation coefficient was increased above the levels usually
observed within in vivo prostate tissue13 as the treatment
progressed. For the case of no treatment feedback a pro-
nounced undertreatment of the target tissue was noted.
On the other hand, after enabling the realtime feedback,
individual fiber irradiation times were adjusted so as to
deliver a light dose exceeding the threshold dose to more
than 95% of the target tissue voxels. Thus, the ability
of the IDOSE module to detect and compensate changes
to the effective attenuation coefficient occurring during
the IPDT procedure was shown. As indicated by the
treatment flow chart in Figure 1.a, updating irradiation
times are done in parallel to a treatment sequence. This
procedure was implemented in order to limit total treat-
ment times but also means the update lags one cycle as
compared to the measurement sequences. Therefore, a
slight overtreatment of some tissue regions might occur
in the unlikely event that there is a drastic reduction of
the light attenuation at the end of a treatment session.

The error analysis presented in Section III D, although
performed within a homogenous medium, shows rela-
tively little influence of deviating source fiber positions

and varying µ′s on the total prostate treatment frac-
tion. For the model geometry, range of tissue optical
properties and fiber positioning inaccuracy investigated
here, it seems tissue heterogeneities, such as the urethra,
and varying µa within the prostate have a comparatively
larger impact on the targeted tissue volume. Thus, it
appears worthwhile investigating realtime feedback for
ascertaining delivery of predefined PDT doses.

The software modules described in this work are im-
plemented on a clinically adapted system for IPDT on
prostate tissue. As the instrumentation also monitors
the Temoporfin fluorescence and the tissue absorbance
within the NIR wavelength region, the clinical treatment
sessions will provide information on the feasibility of in-
cluding also the photosensitizer distribution and the tar-
get tissue oxygen saturation level in the PDT dose metric.
For example, fluorescence and NIR transmission signals
could be combined with low-resolution DOT to map the
spatial distribution of the sensitizer and tissue oxygena-
tion levels. These parameters could then be weighted into
the Block-Cimmino algorithm, for example increasing the
demand on therapeutic light for regions with a lower
photosensitizer concentration and pausing the treatment
within hypoxic tissue volumes. However, note that such
a mapping of the sensitizer distribution is of limited spa-
tial resolution and does not allow us to study its diffusion
out of the tissue vasculature as outlined in Ref. 35. A
more detailed instrumental description and initial clinical
results will be presented in the near future.

In conclusion, we have presented algorithms that con-
stitute a realtime dosimetry module for IPDT on the
whole prostate tissue. Implemented on an 18-fiber IPDT
instrument, the dosimetry software includes monitoring
of the light attenuation during the treatment procedure
and updating individual fiber irradiation times. Thus,
the delivered light dose can be adjusted to take into ac-
count patient-specific and treatment-induced variations
in tissue light transmission. Utilizing data on light distri-
bution simulated by the FEM within a realistic prostate
model we have shown that increasing levels of light at-
tenuation can be tracked. The Block-Cimmino algorithm
was shown to predict irradiation times such that suffi-
ciently large prostate volumes were targeted irrespective
of the tissue optical properties. Finally, by continuously
monitoring the tissue light transmission and updating
irradiation times during a simulated treatment session,
an undertreatment, evident for the case of no treatment
feedback, could be avoided.
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FIG. 4: a) DVHs of the delivered light dose for an im-
portance weight on the rectum, αj(rectum), of 1e-2. ¤
prostate, ◦ urethra, ∇ rectum, ∗ normal tissue. The dashed
lines indicate that approximately 43% (treatment fraction) of
the rectum was exposed to the threshold light dose, i.e. 5
J/cm2. b) Treatment fractions for each tissue type for vary-
ing αj(rectum). c) Irradiation times for each source fiber for
αj(rectum) =1e-4 (white) and 500 (black). Here, µeff(i)=3.7

cm−1.
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FIG. 5: a) DVHs of the delivered light dose for varying absorp-
tion within the prostate gland. µa = 0.3 (dotted), 0.5 (dash-
dot) and 0.7 cm−1 (solid) within the prostate. ¤ prostate, ◦
urethra, ∇ rectum, ∗ normal tissue. b) Irradiation times for
each source fiber for µa = 0.3 (white) and 0.7 cm−1 (black).
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FIG. 7: a) µeff (solid) during the simulated treatment ses-
sion compared to the default effective attenuation coefficient
used for the pre-treatment plan (dashed). Shaded areas in-
dicate treatment sequences, whereas square markers denote
measurement sequences. b) DVHs of the delivered light dose
without (dashed) and with (solid) treatment feedback. ¤
prostate, ◦ urethra, ∇ rectum, ∗ normal tissue. c) Irradi-
ation times for each source fiber without (white) and with
(black) feedback.
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