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1. Abstract

In this work a number of theoreticd models, describing light propagation in matter, have
been applied to and developed for the examination of tissue. The am was to model the light
scatering and absorption in tisaue in order to improve the understanding of underlying
medhanisms of laser-based diagnostics and treament modaliti es utilised for cancer and
cadiovascular diseases. The models gudied ranged from the simplest Bea-Lambert law,
asauming a plain exponential behaviour of the light transport, to solutions of Maxwell's
fundamental equations for the scatering of eledromagnetic waves. The latter approach was
spedficdly used for computations of light scatering by red blood cdl volume-equivalent
spheroids by applying the numerica T-matrix formalism. Furthermore, the alding-doubling
method, based on the radiative transport equation for multiple scatering, as well as the
stochastic Monte Carlo approadh, describing the light transport as a random walk processof
photons, were amployed to model light propagation in dense tissue. The avantages and
disadvantages of eaty model are discussed by exemplifying which applications they are
useful for and valid in.

Light scatering and absorption in tissue were dso studied in pradice The ésorption and
scatering charaderistics governing the maaoscopic light propagation were determined in
vitro in terms of the asorption and scattering coefficients as well asthe g-fador, employing
different integrating-sphere techniques. Changes in these fundamental opticd properties
were monitored for tisaie being exposed to laser-based treament modalities, such as
photodynamic therapy (PDT) and continuous or pulsed thermotherapy. The observed
influence on the scatering properties and the manifest increase in the asorption coefficient
could be related to mainly morphologicd and hiochemicd changes in the blood and/or
microvascular damage in the tissue. The latter was further confirmed by an imaging
technique showing changes in laser-Dopper signals from moving red blood cdls in
conjunction with PDT, indicating a local increase in tissue perfusion.

Differencesin tissue charaderistics were monitored in vivo, in order to distingush diseased
from hedthy tissue done, or in combination with photosensitive agents, employing laser-
induced fluorescence (LIF) or nea infrared (NIR) spedroscopy. Malignancies in the skin
and in the oesophagus could be identified utilising the tumour seledive agents ALA and
Photofrin respedively, in conjunction with LIF. It was also shown to be possble to
spedroscopicdly distinguish fibrous and fatty heat tissue from hedthy myocardium in vitro
using either LIF or NIR spedroscopy, if combined with a powerful analysis method such as
Principal Component Analysis (PCA).
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3. Introduction

Most of us have persona associations with cancer and cardiovascular diseases. This is not
so surprising considering the darming numbers presented in WHO's World Hedth Report
1997, stating that 33% and 12% of al deahs world wide ae caused by circulatory diseases
and cancers, respedively. Beside infedious and parasitic diseases, they represent the two
most common causes of deah. While other fatal disorders have been gradually eliminated,
the risk of developing these two diseases is gealily growing. Thus, there exists an urgent
need for new, efficient treatment modalities and diagnostic techniques.

The laser, clinicaly available since the 1960s,* was almost immediately shown to have
properties useful for medicd applications. It yields monochromatic, non-ionising light,
which can target and be absorbed by spedfic biomoleaules, leasing other moleaules more or
lessunaffeded. This results in seledive, spedfic and comparatively harmless interadions
between the light and medium, of importance from a dinicd point of view. Laser light can
also easily be focused into spats of different sizes, thus providing variable probing aress,
resulting in radiation dases which can be made extremely intense. The latter possbly very
high when required. This in combination with the flexibility and the minimally invasive
charader provided by the use of opticd fibres, resulted in lasers on being recognised as a
potential option both for therapy and diagnostics of cardiovascular diseases and tumours.

In the cae of therapy, clea and preferably seledive photobiologicd effeds sould be
induced by the laser light. Thisis achieved by the transformation of light energy into either
chemicd, thermal or mechanicd energy via resonant light absorption,? causing direa and
delayed seledive cdl deah. Photochemicd processes often require long exposure times (in

the order of 1000s) and low power densities (typicadly 0.1 W/cm?). Thermal effeds are
efficiently induced at long to intermediate exposure times (>0.001 s) and intermediate
power densities (10°-10° W/cm?) and photomechanicd effeds will be induced by short
pulses (10°-10°s) in combination with high power denstties (10°-10"W/cm?).
Photodynamic therapy (PDT), thermotherapy and tisue alation are treament modaliti es,
each involving one of these three interaction processes described.

The light-tissue interadions in the diagnastics approach must in contrast be non-destructive,
meaning a resonant light absorption that is below the threshold required to induce demica
and thermal readions. The key words for tisaue diagnostics are instead light scatering and
re-emisson. By analysing the fedures of the scatered and re-emitted light in terms of
wavelength, temporal and spatial/anguar distributions, indired information can be gained
from multiple scatering tisaues, such as: the quantity of esential and charaderistic tisue
biomolelcules, average cdl size and on the presence of domains embedded in the tisaue with
divergent opticd properties. There eists a variety of potential methods,® either based on
resonant light absorption foll owed by re-emisdgon, such as laser-induced fluorescence (LIF),
non-resonant inelastic scdtering in conjunction with Raman spedroscopy, or on elastic
scatering, such as flow cytometry, diffuse refledion spedroscopy, absorption spedroscopy
and time resolved transmittance or reflectance spectroscopy.
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By choosing appropriate parameters such as those of light intensity, irradiation geometry,
wavelength, exposure time and exposure mode (pulsed or continuous), the desired light-
tisaue interadion can be determined for optimal treament, or diagnostic conditions. The
choice of these physicd irradiation parameters of the treament or probe light, isindiredly a
way of designing the resulting light scattering and absorption in the tissue, in order to
generate not only suitable interadions between the light and tissue but also appropriate
penetration depths. This requires rigorous knowledge of the asorption and scatering
properties of tissue, or in other words of fundamental tissue optics - the central issue of this
work.

Tissue optics deds primarily with two problems, which we can refer to as the dired and
indired problems emerging in connedion with laser-based treaments (dired) and
diagnostics (indired), respedively. The dired problem concerns the estimation of the
energy density [J m™] of the impinging light reacing a cetain paosition within the tissue, for
example amalignant area enbedded in hedthy tissue, when the opticd absorption and
scatering properties are known. This can be solved by measuring the opticd properties of
the tisaue, including those of the malignancy, and computing the resulting light flux both in-
and outside the tisaue, employing one of the many numericd methods available for
computations of light propagation in tissue. The determination of the opticd properties of
tissue is thus a central part of tissue optics.

In the indired problem the unknowns are instead the opticd parameters, to be determined
from the measured dstribution of refleded and/or transmitted light. This often involves
extensive mputations based on the same numericd methods as those in the dired
problem, though iteratively repeaed. From the deduced opicd properties important
information can be gained concerning morphologicd and physiologicd parameters of the
tisae, related to its hedth. Investigating the relationship between the opticd properties and
the microscopicd properties of the tisaue is therefore a essential and growing areawithin
tissue optics.

This work comprises gudies of the asorption and scatering properties of tisaue, with
emphasis on one of the main absorbers in tisaue - the opticdly very charaderistic blood,
which is more or less present in al tisaie. These studies were partly performed from a
theoreticd point of view as summarised in Chapters 4 and 5, as well as from an
experimental view point described in Chapter 6, and all the way to clinicd applications as
discused in Chapters 8 and 9. The experimental part, described in Chapter 6, included
measurements of the optica properties employing integrating sphere set-ups. These results
were further analysed by relating them to microscopic properties of the tissue, which is
discussed in Chapter
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4. Light propagaion in tissue - theory and
models

4.1 Introductory overview

The duality of light - waves/particles - is also apparent within tissue optics. The asped of
which depends on the phenomenon being studied. If we ae investigating the light passng
through a dense and thick tisaue, as for instance in conjunction with trans-ill umination of
breast tisaie, most of the properties asociated with the wave daraderistics are lost. A
model treding the light propagation as a stream of energy quanta, disregarding the typica
wave properties, is then appropriate. This is in contrast to light propagation through a
completely amorphous medium, as for instance glass where the polarisation and
interference phenomena, etc. are gparent due to the regular structure. However, when light
is passng through a tisaue with a cetain more regular structure, for instance muscle tisaie
with its elongated cdls, or flowing blood as disc shaped cdls, a haraderistic asymmetry
can often be found in the anguar distribution of the scatered light. Due to the lledive
alignment, the asymmetric charaderistics of the scatering from the individual cdls are not
fully averaged out. This asymmetry can be traced to the asymmetric shape of the individual
cells, a phenomenon which can be taken into account using the wave properties of light.

Light propagation in tissue might be envisioned as a stream of particles, photons, ead with
alocdised quantum of energy. The statisticd average transport of photons and their energy
through turbid medium, such as tisuue, can mathematicdly be expressed by the radiative
transport (RT) equation.” It is heuristicaly derived by considering the energy balance of
incoming, outgoing, absorbed and emitted photons of an infinitesimal volume dement in the
medium, in the very same way as the Boltzmann particle transport equation is derived for
hea in ahea conducting medium, and neutronsin a reacdor element, etc..” The RT equation
is vaid in an isotropic and quasi-homogeneous medium, meaning that the opticad
inhomogeneities are small and uniformly distributed throughout the material. Thus, the
tisaue is asauumed to be ahomogeneous matrix containing randomly distributed absorption
and scatering centres, simply represented by three parameters. the asorption and scatering
coefficients, P, and [, as well as the scatering anisotropy fador, g. Thisis shematicaly
depicted in Figure 4.1a. Each locd scatering and absorption centre can be thought of as
corresponding to a datisticd average of several scatering and absorption events,
respedively, due to the cdl membranes, organelles, and chromophore moleaules. Typicd
wave
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Figure 4.1 Schematic picture of (a) the radiative transport theory and (b), (¢) the
eledromagretic theory. The former treats the tisauue as it would if it contained randamly
distributed scattering and alsorption centres, while the later regards tisaue as either an
ensemble of single scattering paticles (b) or as a medium with randan dieledric
fluctuations (c).

properties, such as pdarisation, diffradion and interference are here negleded. The
approach used in transport theory is to add powers rather than fields.

Since there ae no analyticd solutions avail able to the transport equation, approximations
and/or numericd techniques must be developed and utili sed. There eist a wide variety of
approximative methods, appropriate for various applications and valid for different opticd
properties of the modelled tisaie. Common for all is that the distribution of the photon
energy is expressd by radiometric quantities, i.e. passvely detedable and measurable
parameters. Thisindicates the pradicd foundation of radiative transport theory and its close
relation to applications and measurements. Computations of light distributions within tissie
and tisaue phantoms, based on the transport equation, have proven to correspond closely
with measured values®® Numericd methods for light propagation, derived from the
radiative transport theory, are therefore the most widely employed within tissue optics.
However, since the individual scatering and absorption events are wlledively represented
by scatering and absorption centres, these methods result in a lossof detail ed information
on fundamental microscopic tisale parameters, concerning tissuie physiology and
morphology. This indicaes that the radiative transport theory is not complete enough to
describe light transport in highly structured tissue, such as muscle tisaue with its extended
muscle fibres, or aligned, flowing disc-shaped blood cdls. When morphologicd parameters
such as cdl size, shape and aignment are of interet, it is necessary to use more rigorous
models.

Alternatively, we can adopt the dasdcd approach and imagine light propagation as a
continuous transfer of energy by eledromagnetic waves. This is rigoroudy treaed by
Maxwell's equations, which are part of the fundamental laws of physics. The light
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propagation is mathematicdly represented by vedor waves, being scatered and absorbed in
the medium. In tissue optics, two types of media ae of particular interest, i.e. one cnsisting
of discrete scatering particles and one of a random continuum, as depicted in Figure 4.1b
and c. Light propagation in a suspension of well-separated independently scatering
particles (Figure 4.1b) is comparatively easy to describe mathematicdly, since only light
from one singe particle has to be mnsidered. The gproximate light distribution of a
colledion of particles is then obtained by adding the individual fields. This approac is
frequently used to theoreticdly study light scattering by dil uted blood and tissue phantoms
containing sili ca, or latex spheres and lipid vesicles.'®*® If the particles are suspended at
higher concentrations, multiple scattering must be taken into account. The single particle
solution has to be supplemented by adding a "perturbation” fador from the surrounding
waves originating from all other particles.” This leads to a cmplicated formalism without
any solutions to the important case of multiple scattering by tissue.

A more redistic model for dense tissue in general, is by representing the physicd
microstructure, e.g. the chromophores, intra- and extra- cdlular plasma, cdl membranes and
organelles, by random dieledric fluctuations given by a dieledric function, £(r,t),* as
schematicdly depicted in Figure 4.1c. This function must be for all positionsr and timest,
in order to be ale to deduce the internal and external eledromagnetic fields. Considering
the complex and disordered microscopic structure of tisaue, the task to determine g(r, t) asa
true and complete representation of the tisaie gopeas immense. Consequently, there have
been no attempts to do so within the tisaie optics field, thoughit has proven to be possble
for simpler media within other disciplines, e.g. atmospheric and ocean optics.* Thus, this
procedure is not yet applicable to multiple scatering tisaue. In pradice, it presently leaves
us with the discrete single-scaterer model, within eledromagnetic theory, as the only
reasonably appropriate approach.

In this chapter, theoreticd models important for applicaions within tissue optics, either
founded on the frequently employed radiative transport theory or the fundamental
eledromagnetic theory, are summarised. To extensively study the mathematicd
formulations behind light propagation in tisauie might at first seam exaggerated and distant
from our aim to be ale to better diagnose and tred diseased tisaue utilising laser light.
However, such an approach often produces important and paentially criticd insights into to
what applicaions the different models are useful for and the validity of computational
results.

4.2 Radiative transport theory

Three parameters represent and quantify the light-tissue interadion processes in transport
theory: the absorption coefficient p, [mmi'], the scattering coefficient ps [mm*] and the g-
fador. The two first mentioned coefficients reved their meaning by their names; the
absorption coefficient is the probability of absorption per unit path length of a travelling
photon and the scatering coefficient is defined correspondingly for the scattering process
The opticd properties vary significantly with wavelength and tissue type. Typicd values for
tisaue, with the highly absorbing blood as one of the exceptions, are in the order of 0.2 mm*
for the esorption coefficient and 25mm™* for the scatering coefficient in the visible
spedral range.’” This means that a photon hes a path length of on average 5 mm in the
tisaue before it is absorbed and a range of approximately 0.04 mm between two scatering
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events. Adding these two interadion coefficients yields the so-cdled total attenuation
coefficient, W, which acaounts for the probabilit y of all li ght-tissue interadions per unit path
length of a propagating photon. The g-fador, also named the aisotropy or asymmetry
fador, is defined as the average @sine of the defledion ange 6 at a “singe scatering
event” (seeFigure 4.2), in terms of the transport theory and is then ssimply a measure of the
anguar distribution of the scattered light. A g-fador close to zero refleds that the scatering
isisotropic, while avalue dose to unity indicaes a sharply scétering pe& in the forward
diredion. Tisaue hasin general aforward dreded scatering'™®? and typica values of the g-
fador are thus in the range 0.8-0.95.” An expresson for the dfedive scatering should
include baoth the scatering coefficient and the asymmetry fador. It is often quantified by the
reduced or effective scattering coefficient:

Eq.4.1 Hs=Hs(1-9).

More substantial information on the anguar distribution of the scatered light is provided by
the phase function p(s, s)=p(cosB), where s and s are unit vedors in the diredions of
incident and scatered light respedively, as sown in Figure 4.2. The phase function is a
probability density function, which defines the probability of a photon being scatered
between the defledion angles 6 and 6+A6, divided by A8, for ead radiative transport
scatering event. We have here esaumed that the scattering of a photon is only dependent on
the zanith defledion angle 6 [0, 1] between the two vedors s and s. The scatering about
the incident diredion versus the other sphericd andle, i.e. the azmuthal angle ¢ shown in
Figure 4.2, is considered to be symmetric and uniformly distributed between 0 and 2t This
corresponds to the assumption of the tissue being an isotropic medium, i.e. without any
major tisuue regions with more organised structures. The phase function is usualy
determined empirically. The most frequently used function for tissue is the

Figure 4.2 Geometrical definitions at an interaction site used in the devdopment of
transport theory. The unit vedors, s and s, represent the diredions of the incident and
scattered light respectively.

Henyey-Greenstein function, since it has been shown to agree reasonably well with
measured angular distributions obtained from dense tissue, such as skin atfdhorta:
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(1-9%)
4n(1+ g® — 2gcoso

Eq.4.2 p(s, ) = p(cosB) =

)3/2 '

This function was originally derived to describe scdtering of starlight by interstellar
matter.?! It is normalised to unity on being integrated over a solid angle of 41t In Eq. 4.2,
we cal recognise the previoudy mentioned g-fador, which acounts for the asymmetry in
the anguar distribution of the scatered light. The formal definition for the mean cosine of
the deflection angle is

Eq.4.3 g= Isﬁt p(s, s)oQ',
in

where @' is an infinitesimal element of the solid angle.

A more general expresson for the phase function can be formulated as an expansion series
in Legendre polynomials,@, s): %

1 [ee]
Eq.4.4 S S)=-—>(@2n+1)b P(s s
q P $) = 0> @n+1b,Py(s §)
with the expansion coefficients given by:

Eq.4.5 b, (r) = J’J’p(s, S)P.(s, s)0Q".

The first order Legendre polynomials are:

1 1
Eq.46  RX)=1; Pi(X)=X; B(X)= E(sz-l); R(x)= §(5x3-3x)-

Truncation after the first term in the expansion seriesin Eq. 4.4, results in a phase function
describing isotropic scatering (Eq. 4.4 with n=0 and ky=1, which follows from Eqg. 4.5
usingEq. 4.6 and the normalisation of the phase function to unity):

1
Eq.4.7 p(s s) =H'[ :

i.e. equal probability for the photon to be scatered in all diredions at ead scatering event.
When two terms are used in the expansion series, a dightly more forward dreded phase
function is obtained, which is used to describe diffuse light transport (b;=g, which follows
from Eq.4.5usingEq. 4.6 andEq. 4.3):

1
Eq.4.8 p(s s) = an (1+3gss).

Due to the forward-directed nature of the light scatering in tissue, this two-term phase
function is sometimes complemented with a Dirac function, 3(s-s'),?*** where the fradion f
determines the degree of asymmetry:
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41t

This phase function is cdled the &-Eddington phase function. The general formulation
provided by the expansion in Legendre polynomials, can also be gplied to the Henyey-
Greenstein function, resulting in expansion coefficients equal to g" (which foll ows from Eq.
4.5, using Eg. 4.6 and Eq. 4.3, and the normalisation of the phase function to unity). The
expansion series of the Henyey-Greenstein function is then given by:

Eq.4.9 p(s, s) =f &(ss) + ( ) (1+3gss).

Eq.4.10 p(s, ) = p(cosh) = %T z (2n+1)g"P, (cosh) .
n=0

Other phase functions have dso been suggested, including: a Mie phase function,® a
Rayleigh-Gans form function®®? and a two-parametric Reynolds-McCormick phase
function.?®*° The latter is also named the Gegenbauer kernel function,®* since it can be
expanded in so-called Gegenbauer polynomials rather than Legendre polynomials.

When the parameters of light-tisaue interadion have dealy been defined, it isfairly straight

forward to formulate the cetral equation of transport theory, the radiative transport
equation. This was originally carried out in terms of a general

(a) (b)

Absorption Light source

A ﬁ\*\

~

= Boundary | scattering from
Scattering into losses er directions s'
new directions into the direction s

Figure 4.3 The derivation of the radiative transport equation is illustrated as the (a) losses
and the (b) gain of the radiance in a infinitesimal volume unit.

particle distribution function W(r, s, t), i.e. number of particles per unit volume axd unit
solid angle [m® sr'] travelling in the diredion s at the postion r and timet> The
asumption being for this derivation is that the energy of the particle is, on the average,
unchanged at ead interadion event. Thus, we restrict the analysis to the transport of
monochromatic photons. Within the tisauie optics field, it is preferable to express the
distribution of photons in a radiometric (detedable) parameter, instead of in the number of
photons per unit volume and solid angle. The radiance L(r, s, t) [W m? s is often used
and simply obtained by multi plying the particle distribution function with the photon energy
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and the speal of the photons, v, i.e. the spead of light in vaauum divided by the refradive
index of the tissue. The radiative transport equation can then be expressed ag follows:

1dL(r, st)

Eq.4.11 v oa
= Usﬂ L(r, s, t)p(s, $)aQ'+Q(r, s t).

+9IL(r, s t) + (U +H,)L(r, s t) =

If we observe an infinitessima volume dement at r and time t, we soon redise that the
transport equation formulates the energy balancein that element, as shematicdly ill ustrated
in Figure 4.3. On the left-hand side of Eq. 4.11, the first term represents the temporal
change in the number of photons with the diredion s. The seaond term corresponds to the
spatial lossof photons in the diredion s, escgping the observed volume dement throughiits
boundary surfaces. The last term on the left-hand side acounts for the photons lost through
resonant absorption, as well as scattering of photons of the diretti@my other

S2
S

Sy

Figure 4.4 Theradiance @n be discretised in anguar comporents alongthe diredions s,
S -Gy oSN

diredion. On the right hand side of Eq. 4.11, we first have aterm representing the photons
being scatered from the diredion s into the diredion s, i.e. the gained photons. Finaly,
there is a source term Q(r, s, t) [Wm™ sr™¥] giving the number of photons generated by a
light source Thus, the fundamental meaning of Eq. 4.11 is that the number of lost photons
equals the number of gained photons, in other words energy conservation.

The transport equation is formulated and the next step is to find its lution. Since no
analyticd solutions are available, we have to derive it by employing approximations and
numerica solutions. There ae awide range of methods used within tisale optics, which
esentially can be grouped under the names discretisation, expansion and probabili stic
methods. Those most important will briefly be described here, starting with the
discretisation methods.

4.2.1 Discretisation methods
Integro-differential equations without any analytica solutions are often numericdly solved

by discretisation. The acarracy of the solution obtained is then governed by the number of
discretisation terms included. Let us now for simplicity disregard from the time dependency
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of the radiance A discretisation of the transport equation is obtained when the radiance is
discretised in N anguar components, i.e. L(r, S) with s=s;, S, ...S, ...S\, as depicted in
Figure 4.4. This method within transport theory is referred to as the discrete ordinates
method orthe N-flux method3? From this follows the discretised transport equation:

N
Eq.412 SIL(r,s) + (WHL(LS) =1k D W L(1,S) P, s) + QC. 5),

=1
where w;, W, ...w;, ...wy are the wrresponding weighting fadors, dependent on the
numerica method used to substitute the integral in Eq. 4.11 with the summation in Eq. 4.12.
The transport equation can then be mnverted into a matrix differential equation, which is
solved utilising an eigenvalue - eigenvedor method. However, this requires extensive
computations and is rarely used (a seven/twenty four-flux model, i.e. N=7 or 24in Eq. 4.12,
was utilised in the earlier days of tissue optics®y.

The complexity is substantially reduced by taking only two anguar components of the
radiance into acount, i.e. in the forward and reverse diredions, yielding the one-
dimensiond transport equation based on the two-flux theory (N=2 in Eq. 4.12).* This is
equivalent to a one-dimensional approximation of the tisale, which can be thought of as a
line dong the zaxis. We therefore cannot talk about solid angles and must instead express
the transport equation in terms of irradiance I(z, s) [W m?], where s equals either one of the
unity vedors z or -z. The transport equation is then reduced to the following set of
differential equations:

dl(z, 2) )
Eq.4.13 0z +(Hgp +Hap)l(Z, 2) = -

=Hanl(z, 2Pz, 2) +Ugpl(Z, -2)P(z, -2)

ol(z, -2) B
Eq.414 97 +(Hgp * Hap)l(2, -2) = =z

=Haol(z, -2)p(-2, -2) +Ugl(z, 2)p(-2, 2)

where lgp and Jap are the one-dimensional scatering and absorption coefficients. Tisaue
can often be mnsidered as an isotropic medium, i.e. the scatering probability of a photon
propagating in one diredion being scatered into another does not depend on the initial
propagation diredion. Hence, p(z, -z) = p(-z,2) and p(z, 2) = p(-z, -2). As the one-
dimensional analysis alows photon propagation in only two dredions, sz and s=-z, it
follows that p(z, 2)+p(-z, 2)=1 and p(-z, -z)+p(z,-z)=1. Using these equdliti es together with
the definition of the back scattering probability S:

Eq.4.15 S = W10 P(Z, 2) = Us1p P2, -2),

the final expression for the one-dimensional transport equation is obtained:
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Eq.4.16 W:—(palD +9)I(z, 2)+SI(z, -2) sz
Eq.4.17—w= ~(Hp +9)I(z, -2)+SI(z, 2) sz

These euations can be identified with those used in the Kubelka-Munk approac®®®’
(Kkm=Map and Sxy=S) derived for two dffuse light fluxes propagating in the forward and
backward diredions assuming diff use irradiation. Star and van Gemert et al.?>*® have shown
how the one-dimensiona interadion coefficients, pyp and pgp, are related to the
volumetric opticd properties, if significantly higher effedive scatering coefficient than the
absorption coefficient is assumed:

1
Eq.4.18 =5 Ha
q K 2 Haip
3 1
Eq.4.19 4 (1-g)vs-z Ma= IioP(Z,2) = S.

The general solutions &q.4.16andEq. 4.17are of the fornf®
Eq.4.20 I(z, 2)=A et + A' e
Eq.4.21 I(z, -z)=B &°? + B' "2 |

wherea is given by:

EQ.4.22a= /M3 + 2H115S = /31, (K, + (21— 9)) = /3,

where , is the so-cdled transport coefficient. The mnstants A, A', B and B' are determined
from the boundary conditions, i.e. from the refledance ad transmittance The formal
definition for the refledance d a boundary surfacewith a unit vedor n, pointing into the
medium, is:

Eq.4.23 R=- IsDnL(r 9)0Q,

sin<0

bowndary !

with an analogous definition for the transmittance.

An even simpler case would be to study the irradiance only in one diredion, let us sy in the
propagation diredion of a @lli mated beam along the zaxis, s=z, disregarding the impad of
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the diffusely scatered light. An expresson for the olli mated transmitted light can then be
derived from the transport equation, excluding the terms associated to the diffusely
scattered irradiance. The transport equation is then reduced to

L=cos 6,

Figure 4.5 The radiance @n be discretised by cones characterised by p=cosf; and ¢=[0,
27.

Az, 2)

Eq.4.24 37 =—(u, +u )z, 2),

which can be recognised as the Bee-Lambert law. The solution is a smple exponential
expression;

Eq.4.25 I(z, 2) = leol(2) = 1(z=0) exp[-(ktHa)Z]-

Alternatively, the discretisation of the radiance ca be performed in terms of N cones
quantified by w;=cost; and @=[0, 21 as $own in Figure 4.5, i.e. in azamuthally averaged
radiance @mponents L(r, 1), in contrast to the previous mentioned anguar components in
discrete diredions. The phase function is then substituted by a redistribution matrix with
elements, h(u, 1), corresponding to the fradion of incident light in a @ne ;, which is
scétered into a wne ;. The addng-doulding method is based on this discretisation for a
slab of tisaue, thin dong the zaxis and of infinite extent in the xy-plane.®**° The thickness
of the dab should be so small that the integration of the radiance dong the zaxis can be
approximated by an average of the radiances at the top and bdtom of the layer. This is
necessry to be ale to solve the time-independent, discrete, azmuthally averaged transport
equation:

a(z, y,
R IRITRITCAE
Eq.4.26 N
=03 w [, )Lz ) +hGn, L@ 1))
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The weighting fadors w; are determined by the numericd integration procedure seleded.
This equation can be solved via integration over the thickngsgzAt, of the thin slab:

Hi[L(tl’ui) - I—(to’ui)] + (Mg tH,) AtLy, (W) =

Eq.4.27 N
=1, Y WA A ) L () i 1) L ()],
j=1

where Ly, represents the previously mentioned approximation of the integral:

1
Eq.4.28 Lys(p)= 5 [L(to W)+ L(ts W

This results in an expresson dependent on the radiance d the top, t,, and batom, t ;, of the
dab, which consequently are the only parameters that can be determined. The alding
doubling method is thus mainly used to compute the refledance and transmittance rather
than the radiance inside the tissue. The results from a slab with a thicknesstwice & thick as
the initial thin layer are obtained by summing the antributions from ead individual dab.
This can be repeated until the true physical thickness is reached.

4.2.2 Expansion methods

A formal method to solve adifferential equation is to find the solution to its homogeneous
part and expand the general solution in terms of the homogeneous lution obtained. This
eigenvedor - eigenvalue problem has for the transport equation been treated by Case® and
Case and Zweifélput has never really been applied to tissue optics.

A simpler approac than using the rather complex eigenfunctions, would be to expand the
radiance using a well-known appropriate function series® Considering the anguar
distribution of diffusely scatered light, a redistic choice of orthogonal expansion functions
for the diff use radiance would be sphericd harmonics. Legendre polynomials P,(x) (seeEq.
4.6) have proven to be well-suited to axial-symmetric tissue geometry.>?? This implies that
the radiance must first be separated into one primary, collimated part, L., and one scattered

part, L
Eq.4.29 L(r,9) = L(r, 9+ Ld(r, 9),

where the collimated part fulfils Beer-Lambert's law:

oL (r, s _
Eq.4.30 s - M,L.(r, 9.

The expansion of I(r, s) and its expansion coefficientg &re given by

Eq.4.31 L.(r,s = i(2n+1)Ln(r)Pn(r, S)
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Eq.4.32 L.(r) = HLS(r, S)P.(r, s)oQ'

The regular normali sation factor (41'[)'1 is not included in Eq. 4.31, since by convention®® it
isinsteal taken into acaunt in Eq. 4.36 below. Also the phase function p(s, s) is expanded

in Legendre polynomials by employikg). 4.4 and Eq4.5.

By the use of Eqgs. 4.4, 4.11, 4.30 and 4.31,%* the stationary radiative transport equation
expanded in Legendre polynomials can be derived using:

SLL(r, 9+ (H, +i,)Lo(r, 9 =

Eq.4.33 %Z J;_[_!:(Zi +1L, (r)P.(r, $) (2 +1)b;P;(s, s )oQ'+

b - ; g (-HS)
+4n;(21+1)bjpj(s, s)L.(0, 0) e,

The last term originates from the ollimated radiance with an initial value of L. (0, 0),
which can be regarded as a source of the scattered radiance.

A set of differential equations is finally obtained by using the stratagem of multi plying the
transport equation by P.(s, ). Thisis followed by an integration over al diredions s and
finally employing the aldition theorem for Legendre polynomials.>*** As with all infinite
theoreticd expansions, the series of Legendre palynomials must be truncated keeguing terms
0, 1, 2,..N. This approximation is in general cdled the Py-approximation.>?%%*%
Truncation after one term corresponds to the assamption of isotropic light scattering,
acording to Eq. 4.7. If only the first two terms are retained, we ae gplying the phase
function in Eq. 4.8 and the P;-approximation, better known as the diffusion appoximation.
It resultsin a set of two differential equations, which when combined can be rewritten as the
diffusion equatiorf:***?The time-dependent version is often writteft as

1 0d(r,t) _

Eq.434 = — D O%d(r,t) —p, (r)d(r,t) + S,(r,t)

where @(r, t) is the fluence rate (=[] L(r, s, t) dQ) and Sy(r, t) is a source term. The
diffusion coefficient D is defined by

Eq.4.35 D=[3(p+He(1-g))T*

The scattered radiance can then be expressed by

Eq.4.36L4r,s t) = Lo+ Ly = (4™ d(r, t) + 3(4)™*j(r, ),

where j(r, t) = [J L(r, s, t) s dQ is the net energy flux vedor responsible for the small

deviation from isotropy. This approximation is only appliceble when the diff usely multiple
scettered part of the radiance dominates over that colli mated, i.e. when (1-g)us>>H, and far
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from the light source. More pronounced asymmetric light scattering is described on adding
a Diracfunction to the two-term phase function, forming the -Eddington phase function in
Eq.4.9

4.2.3 Probabilistic methods

Powerful methods of deducing the light distribution in tissie ae those based on the
stochastic nature of light. Probability distribution functions of the interadion processes are
generaly formed utili sing the dynamic model of the physicd system studied. Within tisaue
optics they are founded on the radiative transport equation and its probabili sticdly defined
interadion parameters, i.e. [, Us (the probability of a photon being absorbed/scatered per
unit path length) and the g-fador determining the shape of the anguar scatering probability
function via the phase function.

A traditional and well-known probabilistic model for photon propagation is the Monte
Carlo approach,***’ where individual steps along the photon path is randomised utili sing
probability density functions for the step sizes, p(s), as well as for the two defledion angles
6 [0, ] and @ [0, 211, i.e. p(6) and p(g) respedively. From the probabili stic definitions of
the scattering and absorption coefficients, the probability density function for the step size
has been derived, given$y’

Eq.4.37 P(s) = (Wt Ha)exp[-(tHa)s]-

This exponential distribution can be transformed to yield a randomised sampling of the step
size based on a uniformly distributed random nurbsstween [01] as follows:

___ In(&)

Eq.4.38 .
(Mg +H,)

The probability density function for 6 should be seleded to resemble the true anguar
distribution of the scatering. Thus, the density function of the phase function proposed by
Henyey-Greenstefhis often adopted, given by

(1-g°)
2(1+g® —2gcosB)¥?’

Eq.4.39 p(cosB) =

where g is the previously mentioned asymmetry fador. Randomised sampling of 6, or rather
p=cosf, utilising a uniformly distributed randomised number & between [0, 1] is obtained

by employing a transformation of the density functio&in4.39t0**’
1-g°
= —(Q+@*-(——==2)%  forgr0
=5y 1o (1—g+292) o

Eq.4.40

n=2¢-1 for g=0.
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Finaly, we assume that the azmuthal ange ¢ is uniformly distributed within [0, 2r3. This
means that p(¢) is a onstant and equals 1/21t Thus the azmuthal angle is sampled with the
randomised numbé utilising

Eq.4.41 0= 2I¢.

Furthermore, the ésorption is gochagticdly taken into acount at every interadion event
during the photon propagation, by deaementing a photon weight, w, initialy assgned a
value equal to unity.

Each photon path is computationally formed by a number of conseautive repeaed events:
the step sizeis randomised acording to Eq. 4.38 and the pasition vedor of the photon, r, is

a

(Mg + 1)

as absorption. Finally, new deflection anddesnde are

updated. A fador of w is aibtraded from the photon weight and is acounted

Source Detector

r(0)v(0)‘¢‘ 'T?(T)V(T)

—
Average path

N

Actual path

Figure 4.6 The concept of the probabilistic path integral method is shown.

randomised on the basis of Eq. 4.40 and Eq. 4.41, yielding the new propagation direcion of
the photon. Boundary effeds, such as Fresnel refledion, is also taken into acount. Thisis
repeaed until the position vedor has readied one of the tissue boundaries and the photon
weight is acounted as either transmisson or refledion. The photon propagation can also
end when the photon weight falls below a threshold value. Either a complete termination
follows or, at one chance out of m (m>1), the weight w is multiplied with the facor m,
governed by aroulette technique. New photons are then subsequently launched, all with an
initial weight set to unity. In order to oltain good statistics and high acaracy of the
resulting absorption, reflecion and transmisson values, a large number of photons must be
tracked.
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The Monte Carlo method is easily adopted for extradion of further information. By
recording the acamulated photon path length during the photon propagation and rescding
in temporal units using the spead of light, a time-resolved Monte Carlo method can be
designed.*®*®* This means that the temporal behaviour of the refledance and/or
transmittance can be derived. A shift in the wavelength can also be incorporated at a cetain
fradion of the interadion events. This corresponds to a non-elastic scatering event, which
enables Monte Carlo simulations of fluorescence light,>*>® as demonstrated in Paper V1, and
of Doppler shiftg®°42°

Instead of randomising ead individual step along the pathway of the photon, the entire
average path can be stochasticdly treaed. A path probability distribution function P[r(t)] in
a non-absorbing medium is formed for the photon trajedories represented by r(t), eadh
asciated with the speed v=v(t)s. This probabili stic gpproad is referred to as the path
integral method.>"*® It differs from most of the other RT-methods (except for the alding-
doubling method) in that it provides information on the radiance d locd sites rather than in
the antire tissie. The photon probability distribution function W(r, v, t) [m® s%], and
consequently expressons for radiometric quantities such as the radiance L(r, s, t), is
obtained by integrating the path probability distribution function along all the different
average paths stisfyinginitial and final conditions of the location r(t) and velocity v(t) of
the photon.>”*® The initial conditi ons are given by the locaion of the source and the initial
spedal of the photon (r(0) and v(0)), whereas the final conditions at the time t=T depend on
the locaion of the detector and the final speed of the photon (r(T) and v(T)), as $own in
Figure 4.6. The ésorption properties are then separately added by weighting the non-
absorption probability distribution function for a photon with a fador dependent on the
number of interactions within the tissue.

4.2.4 Discussion - radiative transport theory

Radiative transport theory provides us with a wide variety of computational tools to analyse
light transport in tissue, well-founded on physicad and hiologicd measurements. However,
this does not mean that we can pick any of these models for our application. The dedsion
should be based on what type of information is required (e.g. the light distribution in the
tisaue, the anount of refleded light from or transmitted light through a tissue sample). The
geometric and opticd properties of the tissue being modell ed and acaracy required must be
balanced against acceptable computational time. These distinctions are drealy indicated by
the different assumptions being made in the theoreticd derivations above, but will be
further elucidated with some examples of applications.

We can esentialy distinguish between three caéegories of redistic light distributions,
schematicdly ill ustrated in Figure 4.7, for which different radiative transport models are
appropriate. The light intensity along a ollimated light bean propagating in tissue with
predominating absorption properties (Figure 4.7a), is well described by the simplest of the
light propagation models - the Bea-Lambert law. The influence of scattered light can here
be negleded, since most light-tissue interadions are light absorption events. An example of
when Bea-Lambert’s law is applicable, is given in the present work, Paper 111, where the
dynamic behaviour of the temperature dependence of the asorption coefficient of the
highly light absorbing blood is derived at 586nm, in conjunction with laser-induced
thermotherapy. Blood is one of few tissues exhibiting predominating light absorption
properties, appropriate for Bea-Lambert’s law, in the visible region. However, tissue is al'so
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highly light absorbing outside the visible window of the dedromagnetic waves, i.e. Bea-
Lambert’s law is often applied in the infrared (IR) spedral range. For instance, it was used
when performing light transmisson measurements in the nea infrared region on myocardial
tisaue in Paper VII, in order to find charaderistic asorption dips. Bea-Lambert's law can
also be

L
Fyvd
H>>H (1-9) Ha<<p {1-9) Hap o(1-9)

Figure 4.7 Three ategories of light distributions, (a) dominating alsorption properties, (b)
dominating scattering properties, (c) similar absorption and scattering properties, are
schematically illustrated. They are each well-described by different types of radiative
transport models. The arrows represent the scattering characteristics andthe contour plots
the absorption characteristics.

employed to derive the total interacion coefficient, L, from measurements of the alli mated
transmittance (see Eq. 4.24) of tissue with non-negli gible scattering properties. Thisis often
one step in the measurement procedure for determination of the threeopticd properties of a
tissue sample, as $own in Papers I, 1l and IV. The forward dreded scatered light must
then be dficiently prevented from being registered by the detedor, so that only the
collimated transmitted part is monitored to ascertain the validity of Beer-Lambert’s law.

The other extreme of possble light distributions is in cases where scattering events clealy
dominate over absorption, i.e. when pus(1-g)>>u, as depicted in Figure 4.7b. A diffuse light
flux is then almost immediately developed. Among the discretisation methods the light
propagation can be described by the two dffuse light fluxes (the radiance integrated over
the two hemispheres) propagating in the forward- and badkward dredions in the Kubelka-
Munk model. Among the expansion methods the temporal and/or spatial light distribution
can be derived employing the P, method (the diffusion approximation). Since most tissues
exhibit highly forward-direaed light scattering,**?° this category of models will not always
provide acarate predictions of the fluence rate. They should thus be used with this
limitation in mind. However, the light distribution can often be regarded as diffuse dter
numerous <dtering events. From this it follows that these models will exhibit good
acaragy far from the light source and tissue boundaries. Despite the restricted validity of
the Kubelka-Munk model, it is frequently used for quick, gross estimations of the opticd
properties,®*®* which vyield adequate initial values for more extensive iterative
computations.®? Since it provides analyticd expressons for the asorption and scattering
properties of a tissue sample versus easily measurable parameters such as refledance and
transmittance, in contrast to ather light-propagation models. The more rigorous diffusion
approximation is derived in three dimensions and provides temporal, spatial and anguar
information on the light distribution in- and outside the tissue. Reasonably goodacaragy is
obtained, provided no initial events of photon propagation are studied in time, or in space®
at low computation times. The diffusion approximation is therefore widely used for several
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applications within tisae optics, particularly for comparison with time- or spatially-
resolved transmisson, or refledion measurements conducted in order to determine the
optica properties®*®” or to find inclusions with diverging opticd properties, such as
tumours embedded in norma dense tiswie®®*™ High values of the reduced scatering
coefficient compared to the @sorption coefficient are required for good acairacy. However,
the diffusion approximation has been shown to be useful even when this assumption is not
completely fulfilled, for example when opticdly monitoring oxygen saturation in blood
Good agreament between computed and measured results are obtained, as long as the
wavelength of the probing light is longer than 660nm, to reduce the high absorption
coefficient.**’> Even better acaracy can be adieved, if anisotropic scatering is
incorporated in the two-flux model or diffusion approximation, by the used of corredion
fadors or seleding appropriate expansions of the phase function?*242634737 (spe e.g. the
delta-Eddington method). The acerragy for the discretisation methods can be improved by
discretisation of the radiance in more than two dredions, as for example in seven™ or
twenty-four®® flux models. Comparison between the Bea-Lambert law, the Kubelka-Munk
method, the diff usion approximation and the seven/twenty-four -flux model*%3*34 || ustrates
that all methods yield similar values of the fluence rates degp within the tissue. However,
too low values for baoth the Beer-Lambert law (negleding the diffusely scatered light) and
the diffusion approximation, as well as, too high values for the Kubelka-Munk model
(asuming completely diff use light scatering), are omputed immediately below the surface
compared to the results from the more accurate multi-flux models.

The final caegory of light distributions is that generated in tisue which is neither
predominantly scatering ror absorbing, but rather a cmbination of the two (Figure 4.7c).
This means that our method should not be restricted by validity when concidering the
optica properties of the tissue being modelled. The alding-doubling method has in this
resped no limitations,*** and produces deady-state refledance and transmittance data of
good acaragy at low computation times. However, it supparts layered tissue geometry of
infinite lateral extension only, and the internal li ght flux is obtained with difficulty. Adding-
doubling computations are therefore mainly performed in conjunction with transmisson and
refledion measurements of thin tissue samples, in order to iteratively fit measured to
computed values by varying the optica properties of the modelled tissue sample.”*®* In the
present thesis (Paper 1V) such computations were performed, in order to determine hea-
induced changes in the opticd properties of blood in a thin flow cdl. When the light
transport throughthicker tissue samplesis considered, the path integral method®”*® might be
more gpropriate. It is an efficient probabili stic method to model the light propagation in
the frequently employed pant- ill umination and detection configuration, without restrictions
on the validity concerning opticd properties. The mmputations are here founded on the
probabilit y function of entire photon pathsinstead of individual photon steps. This approach
seems particularly appropriate for applicaions where large mputations of light
digtributions are required, e.g. for opticd imaging Finaly, when the spatial light
digtribution is of interest, rather than point monitored data, or when complex tissie
geometries are mnsidered, a flexible method is required. The probabili stic method based on
the Monte Carlo concept isthe dternative within radiative transport theory that has the least
restrictions concerning optica properties, illumination and detedion geometries etc.. The
results from such simulations are obtained with good acairacy, except for a normali sation
fadtor, when comparing with experimental measurements performed in spatial,® as well as
temporal modes.?*® The influence of geometrica parameters, such as the profile and size of
afinite probe beam, on the light distribution hes been simulated,*®®* as well as of complex
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objeds embedded in the tissue, such as cylindrica and curved boodvesslsin dermisin the
skin.2>®" The high acaracy acieved using the Monte Carlo approach means that this is the
reference method frequently used to evaluate the validity of other less predse models.
Predictions of the radiance using, for instance the diffusion approximation have been
related to those obtained from standard Monte Carlo simulations, these reved reasonably
good correspondence in the spatial light distribution (average deviations<10%) for g-fadors
lessthan 0.8 and reduced scatering coefficients greaer than 3 mm*, as long as the latter is
at least ten times larger than the asorption coefficient.®®®® Beyond these limits, the
diffusion approximation must be regarded as lessacairate. Monte Carlo computations also
confirm the results obtained from the previously mentioned multy-flux models,**33** in
these comparisons the diffusion approximation yielded lower fluence rates close to the
surface and higher values at greater depths.

The high acaracy provided by Monte Carlo simulations is, in this work, shown to
advantage in Paper | and Paper 11, when expressng measured changes in transmittance ad
refledance of liver and muscle tissue, in terms of changes in their opticd properties in
conjunction with laser-based treagments. However, there is one major drawbadk of the
Monte Carlo method, the high acaracy can only been obtained after long computation
times. Condensed Monte Carlo methods™ (see Paper V1), hybride methods (the Monte
Carlo procedure mmbined with the diffusion approximation),”>% and fitting procedures
based on tabled Monte Carlo simulated data have thus been developed®#3 (see Paper |
andPaper |).

Basic knowledge of the opticd properties of the tissue studied is thus an advantage, when
seleding computation methods for analysis of the light distribution. However, the choiceis
also dependent on whether or not extensive results are required. One can say that simple
models, such as those founded on one-dimensional transport theory, can successully be
employed for fast, approximate estimations of general trends, as performed in Paper IIl. A
large number of quick computations were mnducted here in order to conclude that an
increase in the asorption coefficient always (in a large range of scatering and absorption
properties) results in an deaease in bath refledance and transmittance, whereas an increase
in the scatering coefficient always yields an increase in the refledance and a deaease in the
transmittance. If instead detailed information of for instance the spatia distribution of the
light flux in a tissue sample of complex geometry is required with high acaracy, more
rigorous and time-consuming computations must be mnducted, as for example Monte Carlo
simulations.

4.3 Electromagnetic theory
Let us now describe the light as eledromagnetic waves. Propagation of eledromagnetic

waves through a spatially varying dieledric medium, such as tisaue, is clasdcdly described
by Maxwell's equation&*®

Eq.4.42 OxH=2 47

g.4. - ot
0B

Eq.4.43 OxE=-—

ot



29

Eq.4.44 OM=p

Eq.4.45 OB =0,

where H [A m™] and E [V m] are the magnetic and eledric field vedors, D [C m?] is the
eledric displacenent vedor, B [Wb m?] is the magnetic flux density vedor, J [A m?] isthe
current density vedor, and p [C m™] is the volume dharge density. Maxwell's equations are
condensed mathematicd expressons for fundamental physicd laws describing, in integral

oD
form, the total current (E +J) [@a passngthroughthe aearepresented by da induces

a magnetic field, which equals the line integral of H along the path surrounding the aea
(Ampére's law). Analogously, a time-varying magnetic flux density B passng through a
closed conducting loop generates a aurrent around that loop, inducing an eledric field E
(Faraday's law). Furthermore, the total eledric flux Dlda flowing out of a dosed surfaceda,
equalsthetotal charge poV (dV isaninfinitesimal volume dement) enclosed by the surface
(the Gauss eledric law). This is in contrast to the magnetic flux Blda, where there is no
magnetic "charge" and thus no net flux flowingin or out of a dosed surface aindicaed by
Eqg. 4.45 (the Gauss magnetic law). Furthermore, the mngitutive relations in a non-
dispersive and isotropic medium (corresponds, in the optics region, to an assumption of a
refradive index independent of the wavelength and diredion, respedively), expressng how
the field vedors are interrelated and dependant on the charaderistics of the medium, are
given by

Eq.4.46 D=¢E
Eq.4.47 B=pH
Eq.4.48 J=0E,

where € [F m] is the permittivity, u [H m™] is the permeability (both assumed to be time
independent) and o [S m™] is the @nductivity. Hence, Maxwell's equations Eq. 4.42-Eq,
4.45can be rewritten as

oE
Eq.4.49 OxH=eg—+0oE

ot
Eq.4.50 OxE= oH
a5 ~ Mt
Eq.4.51 DEIE:E

I
©

Eq.4.52 0
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Eqg. 4.51 and Eq. 4.52 are derived under the asaumption of a homogeneous medium. An
effedive complex permittivity is derived from the time-harmonic version of Eq. 4.49 with
the convention " (w=2rifrequency):

Eq.453 OxH =-iweE + oE
as

— H 0-
Eq.4.54 B TEFI .

Its correspondence within optics is the refractive index givéh by
Eq.4.55 n=n'+in"=g/eq)”,

whereg,is the permittivity for free space.

Figure 4.8 An image of a red blood cdl (the author’s), obtained in a phae microscope, is
shown to the left. The processed image to the right schematically ill ustrates the interference
pattern recorded when the two probe beams (with a small inter-distal separation) of the
phase microscope were scanred over the cdl in the diagond diredion. The diredion d the
scanning is indicated by the arrow in the left lower corner. A spatial distribution o the
phase shift can thus be derived, which in turn corresponds to amap d the refractive index
and the thickness of the cell.

The dedromagnetic theory is founded on this st of equations, we want to solve them for
tissue in the optical region of electromagnetic spectrum.

4.3.1 Tissue as a random continuum

Our aim isto find a solution to Eq. 4.49-Eq. 4.52 for tisaue. Tissue with its organelles, cdl
membranes, inter-cdl ular structures etc. cannot be regarded as a homogeneous medium, but
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instead as a random continuum. Thus, there is a spatia dependency in the permittivity,
€= (r), which must be known in order to solve Maxwell's equations. In atmospheric
optics this problem has been approached by separating the permittivity into two
components; one average value <gq(r)> and one randomly fluctuating component £q'(r).*
The latter has different functional forms depending on the nature of the true physicd
fluctuations in the amosphere (rain, fog, smog, cloud etc.). For tisaue this would acaording
to Eqg. 4.55 be euivalent to determining the refradive index as a ntinuous function of
position, dependent on the microscopic morphology of the tisuue: on the quantity, size
shape of organelles, cdls, structural tisaue dc.. Considering these ae often of sub-micron
size it is not surprising that this concept has not been redised within tisuue optics.
However, afirst step has been taken in studying spatial variations of the refradive index of
cdls and mitochondria in a phase microscope.” This is for ared blood cdl (the aithor's)
exemplified in Figure 4.8.

4.3.2 Tissue as a collection of particles

Instead of applying the random continuum approach, the dedromagnetic theory within
tisaue optics has been applied to clusters of biomoleaules and cdls by finding solutions to
Maxwell's equations for homogeneous particles. From the assumption of homogeneity it
follows that €4 and p are nstants. Thus, Eq. 4.49 and Eqg. 4.50 can be manipulated
together to form the general vector wave or Helmholtz equations:

Eq.4.56 Ox(OxE)-k?*E=0

Eq.4.57 Ox(0xH)-k*H=0 ,

where k*=ufeqs p=(217A)% There ae several physicdly redisable dedromagnetic fields
(E, H) that satisfy these equations. In order to find the solution of interest, geometricd and
material parameters for the spedfic problem must be formulated by, for instance, boundary
conditions. We ae interested here in the dedromagnetic fields inside aparticle, i.e. the
interna field E;y, and the scatered E-field Eg outside the particle. The latter can be
regarded as a superposition of wavelets originating from dipales in the particle, in turn
induced by the incident field E;. Our fundamental conditions can then be expresed as
follows: both the interna (E;) and externa (Eew= Ei+Eg) fields sould satisfy Eq. 4.56.
Moreover, the internal and external E-fields sould be related via boundary conditions at
the elge of the particle which depends on the objed being studied. The boundary conditions
are often based on the general properties of eledromagnetic waves, stating for instance the
tangential components of the E- and H-fields are cntinuous when passng aaoss a
boundary. The incident field is conveniently assumed to be a plane wave E;i(r)=E,
exp(iksyd - iat), propagating in the surrounding medium with the wave véghor

The general ideaof solving Eq. 4.56 is to expand the incident, internal, as well as satered
fieldsin terms of vedor waves, M and N, and determine the expansion coefficients from the
boundary conditions for ead particle. This can be performed since these vedor functions
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satisfy the vedor wave euation. Sphericd vedor waves are frequently employed and
defined as”

Eq.4.58 M ®n(kr)=0xr €™ P.(cob) (jn(kr)+ina(kr))

Eq.4.59 NCmn(kr) = K*OxM ®pi(kr),

Figure 4.9 Geometrical parameters, used for the derivation d the general solution to the
vector wave equation for a single particle are shown.

where geometrical parameters are depictdéignre4.9. P,"(co®) are associated Legendre
functions specified by their indices n=0, 1, 2... and m=-n, -n+1;1, m(first orders are
exemplified inEq. 4.6). j,(kr) are spherical Bessel functiong(km) are Neumann functions
and k equals @A egium

The M°- and N°-functions are outward travelli ng waves with singuarities at the origin. The
incident field is therefore expressed in terms of M'- and N'-functions, i.e. sphericd vedor
functions as defined in Eq. 4.58 and Eq. 4.59, but with a pure Bes=l radial dependency (not
Neumann functions due to their behaviour at the origin) in order to oktain aregular solution
without singularities at r=0 at the centre of the particle:

EQ.4.60Ei(ksm) =Eo ) Drnf@nM'mn (Ksm) + BaN'mn (KsmP)].

m, n
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Dy are normali sation constants, and the expansion coefficients a;, and by, are given by the
incident field. The internal field is also an equivalent expansion of the M'- and N'-functions,
due to the requirement of a final solution at the origin:

Eq- 4.61 Eint(kparticler) = EO z Dm'n{Cm'nNIi m'n(k particle I’) + dm'n'Ni m'n(k particler)]
m, n

with the unkmown expansion coefficients ¢,y and d.,. Finaly, the scatered field is
expressd as a summation of outward travelling, complete M °- and N°-functions, including
the Neumann functions, due to their asymptotic behaviour at large distances from the
particle:

EQ.462E{kan") =B ) DinelfmeMmn (Ksmf) + GoN°mn (Kom )]

m, n

with f, and gy, @ unkrmown expansion coefficients. Formally, this concept provides an
exad solution to the vedor wave equation, but as the expansion series must be numericaly
truncated, it has an approximate character.

The problem has now been reduced to a determination of the expansion coefficients cn,
O (internal field), f,,, and gn, (scatered field) from the known a,,, and h,,, coefficients of
the incident field and from the spedfic boundary conditions. Let us gart with the simplest
type of particle, a homogeneous sphere.

The spedal case of the generally formulated solution to the vedor wave ejuation for a
homogeneous sphere is well-known urder the name Lorentz-Mie theory or just Mie
theory.?*%*% An incident linealy polarised, plane wave with the amplitude E, results in
expansion series (Eq. 4.60) where dl expansion coefficients m#1 vanish. The expansion
series can then be written #s:

. (2n+1])
.463 E. (k =E n— —~
Eq.4.63 E, (K, I) OZI "

for the incident E-field, with a @rresponding H-field. Thus, compared with Eq. 4.60 the
coefficients a,,, and b, are known and we proceed with the boundary conditions using the
continuity of the tangential components of the fields acoss a boundary. Mathematicdly,
this is expressed by

(M, =iN}) (m=1)

Eq.4.64 (Ei+EsEin)xe=0 atr=age

Eq.4.65 (Hi+HgsH)xe=0 atr=ae

at the boundary, r=ae,, where ais the radius of the sphere and e, is the radial unit vedor of
the sphericd coordinate system with the origin at the centre of the sphere. We have four
unkrmowns ¢, dy (internal field), f, and g, (scattered field) and four independent equations
originating fromEq.4.64andEq. 4.65
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Eq.4.66 EiotEs = B
EigtEsp = Eintg
HigtHss = Hinto
HigtHsp = Hingg atr=ae

Hence, the four coefficients are uniquely determined. The expressons consist of the
sphericd Bessl and Neumann functions, j,(x) and n,(x), and their derivatives with x and
mx as arguments, where X is the size parameter equal to 2rm'sya/A (N'sy is the red part of the
refradive index of the surrounding medium and A is the wavelength of the dedromagnetic
wave) and m is the relative refradive index equal to Nuige/Nen>"*® The interna and
scattered fields can thus be computet.

As on as the shape of the particle diverges from the sphere, the complexity of the
derivations of the solutions to the vedor wave ejuation increases. The boundary conditions,
together with the expansion series, rarely form a linea set of equations, as observed for a
sphere, which is necessary to easily compute the expansion coefficients. This however can
be solved by mathematicdly reformulating either the expansion functions or the boundary
conditions. The former concept is equivalent to separating the vedor wave eguation in a
more gpropriate mordinate system, where one of the aordinate surfaces coincides with
the surfaceof the non-sphericd particle. For instance cylindrical coordinates and vedor
functions are enployed to solve the vedor wave eyuation for circular cylinders %%
Moreover, spheroidal coordinates have succesSully been wsed for arbitrary spheroids,
oblate or prolaté®®**

The second concept implies that new boundary conditions are formulated, whereas the
fields are sill expanded in sphericd vedor functions, as in Egq. 4.60 - Eq.4.62
Waterman,'®? as well as Barber and Yeh,”” expressed a boundary condition by means of
integrals over the particle surface S of eledric and magnetic surface arrents. This in
combination with the so-cdl ed extinction theorem® forms an extended bounday condtion
used to derive the expansion coefficients for the sphericd vedor functions. The extinction
theorem states that the scatered field must cancd the incident field inside the particle ad
the expression for the total E-field can accordingly be written as

r outsideparticle  E(r)O . c -
= . + = . +
r inside particle OE () +E(r) =E;(r)

Eq.4.67

+0 XI E surfacecurrents S+ x [ x J' H surfacecurrents 0S
S S

Hence, inside the particle the fields originating from the surfaceintegrals swould cancd the
incident field. This relates the expansion coefficients of the incident field to the surface
currents. The surface arrents generate in turn an outward propagating field, i.e. the
scatered field Eg(r). This relates the expansion coefficients of the scétered field to the
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surface arrents. Consequently, the connedion between the expansion coefficients of the
incident and scattered fields lies in the surface errrents. Thisis mathematicdly handled by a
transition matrix or the T-matrix:

Eq.4.68

This extended baundary method is therefore frequently cdled the T-matrix method It
implies that the scattering problem is reduced to the determination of the dements of the T-
matrix, consisting of surfaceintegrals. These cmputations can be performed for arbitrarily
shaped particles, but have mainly been applied to spheroidal particles.'**°® When being
derived for sphericd particles, the T-matrix is diagonal with elements that coincide with the
expressions for the expansion coefficients obtained by Lorentz-Mie theory.

If all terms are included in the expansion series, though this is computationally unredistic,
al the methods based on eledromagnetic theory discussed so far can be regarded as exad
solutions to the vedor wave ejuation. They are often asociated with extensive
computations, except for the sphericd particle, thus the requirement for approximate, less
computationally demanding methods.

For particles snall compared to the wavelength, i.e. if OmOx<<1 (x is the size parameter, m
is the relative refradive index), it can be shown® that expansion coefficients with terms of
the order higher than x® can be rejeaed without any serious concern of the aceiragy. For the
Mie expansion series of the scattered field this means that,enty$ét be retained:

2x° (m* -1
Eq.4.69 f,=- Tﬁ +0(x°)
O = O(X5)
fio= O(X5)
Oi2 = O(X7)

This approximation corresponds to the well-known Rayleigh scatering phenomenon.®>® |t

can then be shown that the scatered intensity I is propationa to the square of the
amplitude of the fieldIE{divided by k (the wave numbef:

Eq.4.701s O(OEOK)? O(OF1.0k)? OxYk? OAZAC=A*

From this it follows that the intensity is inversely propartiona to the fourth power of the
wavelength. This well-known propationality of Rayleigh scatering is in general true
regardless of particle shape, as long as, the objed is snall compared to the wavelength.
Furthermore, it can be proven® that the physicd interpretation of Rayleigh scatering is that
it originates from a particle so small that the surrounding field can be regarded as a uniform
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static dedric field. This means that aso the field inside the particle can be mnsidered as
uniform.

To incorporate shape dfeds, i.e. to derive gproximate expressons for the light scatering
by particles of irreguar geometric shape, the Rayleigh-Gans-Debye theory®>® is often used.
It can be derived by estimating the scatered E-field per infinitesimal volume unit based on
the small particle/Rayleigh limit of Mie theory, as described above. This"E-field density" is
then integrated over the true particle volume. The validity of this approximation is
satisfactory when Om-10k<1 and kdOm-1Ck<1, whered isalinea charaderistic dimension
of the particle. That is when the refradive indices inside and outside of small or
intermediate sized particles (compared to the wavelength) are close.

Numericd tedhniques can also be gplied to compute gproximately the scatered E-fields.
Locd rather than dobal information on the E-field is often obtained. Insteal of solving the
eigenvalue problem given by the vedor wave ejuation, by expanding the E-fields in vedor
functions, simpler expansion functions can be dosen employing the method d moments
(MoM).*® Maxwell’ s equations can also be numericaly solved by discretising them in space
and time, forming so-cdled finite-difference euations. Employing the finite-difference
time-domain method (FDTD),* the E-fields are then obtained using a numericd time-
stepping technique. Furthermore, a numericd technique, well-known within other
disciplines, is the finite-element method. The E-fields are here determined at certain
pasitions, or nodes and the global expresdons for the fields are written as a sum of these
node-values multiplied by a basis- or shape function. The shape function is unity at the node
and deaeases linealy to zero on approaching the neighbouring rodes, i.e. a pyramid
function. The E-fields are thus determined locally as though raising a tent.

4.3.3 Discussion - electromagnetic theory

Eledromagnetic theory, both its fundamental nature and general charader are gpeding to
many physicists, sinceit is founded on the basic laws of physics and provides mathematica
todls, which can be used for a large number of applicdions. Principaly, it forms a
framework that can lead to an exad solution to the problem of light distribution in arandom
continuum such as tisaue, if only an expresson for the spatial dependency of the refradive
index is known in detail. A tisuue sample with its cdl membranes, cdl plasma, organelles
and structural components must thus be mapped in terms of the refradive index. The spatial
variations in the refradive index of individual cdl membranes and mitochondria have been
determined,®® but the major part of this immense task remains. Instead, the relevance of
eledromagnetic theory within tisaue optics lies mainly in the possbility of studying the
influence of charaderistic morphologicd feaures of the individual tissie mmponents on
the light distribution. Which of the tissie nstituents can the major part of the light
scdtering be atributed to, what affed does the cdl size, shape and alignment as well asthe
relative refradive index have on the light distribution, these ae some of the questions that
should be answered. Thisis further exemplified in Chapter 7.2. However, some gplicdions
of electromagnetic theory will be discussed briefly here.
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The most widespread method hased on eledromagnetic theory within tissue optics is
Lorentz-Mie cmmputations for spheres. These ae mainly performed in order to compute the
scatering properties of cdibration suspensions of latex spheres,*>1%%%" as described in this
work (Paper | and Paper 1), and also of tissue phantoms, such as Intrali pid"**° and spheres
disolved or embedded in suitable media,'®*?*® rather than computing the scattering
properties of tissue. The reason is that independently-scattering, homogeneous gheres can
hardly be considered as a useful theoreticd model for cdlsin tisaue, athoughbloodcdlsin
diluted blood is one of the few exceptions. Steinke and Shepard® found good correlation
between Mie computed and experimentally determined scatering properties of randomly
oriented Hlood cdls. Interesting theoretica information has been extraded on, for instance,
the influence of cdl size on the light scatering by blood cdls from results of Mie
computations.®*%#% Even the cdl membrane has been incorporated in Mie mmputations
for a layered sphere.'®'** Yet, no major influence of the membrane on the distribution of
the scatered light was predicted. Mie theory has not so far been extended to the description
of complex multiple light scatering by a wlledion of cdls, as in general tissue. Diluted
blood where the cdls are well-separated, is from the viewpoint of tissue optics an unwsual
and simple example. While Mie computations must be recgnised as an inadequate model
for prediction of authentic light distributions in conventional tissue, it can provide highly
interesting information on the size of the aerage scatterer in tisaue,****2*2 py for instance
relating the measured to computed wavelength dependence of the scatering properties. A
theoreticd wavelength dependence is analyticdly formulated in Paper Il by two simple
polynomials and used to determine the so cdled Mie euivalent average radius of liver
tisaue. This concept is developed in Paper 1l and was partly based on the work of
Mourantetal..**

The solution of the vedor wave equation separated in cylindricd coordinates would be an
interesting theoreticd analogue for muscle fibres, nerve cdlsand ather structural formations
in tissue. For instance, the diameter of collagen fibresin neonatal skin has been obtained by
comparing experimental data with computations based on such a o/lindricd model.”
Moreover, the Rayleigh-Gans-Debye gproximation has been uilised for light scattering
computations of cylinders representing the similar structures of retinal nerve'ffbres.

Light scatering from other non-sphericd particles, mainly spheroidal objeds snaller or
equivalent to the wavelength, as in other fields been computed utilising the T-matrix
method.19*1931° The gplication to larger scatering objeds gich as biologicd cédls, has for
computational reasons been beyond reat urtil fairly recently**®. The suggested solution
was implemented in the present work and the T-matrix method has been utili sed in Paper V
for computations of the light scatering by red blood cdl volume equivalent spheroids. This
non-sphere model enables dudies of the influence of cdl alignment and shape changes,
impossible with Mie theory computations.

The gproximate Rayleigh scattering model and its well-known wavelength dependence (I

OA*), can within tissue optics be gplied to study the influence of scattering by smaller
particles, for example denatured proteins,’® or as a "small-scaterer indicaor" when
estimating the average size of the scaterers in tissue'’® (see Paper I1). It can also provide
the method o estimating the @ncentration of important biomoleaules based on the
information provided by light scatterirtdy.
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4.4 Relationship between the radiative transport and electromagnetic theories

Traditionally, computation methods based on radiative transport theory have dmost
exclusively been used to predict light transport in tissue. It treds the tisae, as a
homogeneous medium with averaged light absorption and scdtering properties. This is
necessry in order to derive methods applicable to authentic dinicd conditions and
confrimed by experimental results®® However, there ae stll some open questions
regarding for instance the dhoice of the phase function, the influence of structured cdl
formations and tissues on the light distribution, and which of the tissie nstituents
represent the dhief scetterers. A growing interest for the relationship between microscopicd,
morphologicd and physiologicd properties of tissle and its opticd properties can be seen
in recant yeas,14799612113118121 a0 i 550 reflected by the work presented here (Paper | to
Paper V). Thus, the detail ed information, concerning for example shape, size, alignment and
refradive index of a scatering particle provided by eledromagnetic theory, has reinforced
the pasition of EM-theory within tisaie optics. In addition, the input parameters to the
radiative transport computations are often optica properties obtained from inverse or
iterative computations based on the very same theory. It is therefore essential, in addition to
experimental results, to have theoreticd reference techniques in order to confirm the
reasonablenessof computed results obtained from transport theory. Eledromagnetic theory
may here serve an important role. In the light of all this, it isimportant to identify the links
between the two theories, which will be discussed here.

To enable the crrelation between the radiometric, measurable quantities provided by
transport theory and the field charaderistics given by eledromagnetic theory, Fante™®* and
Ishimaru* have proved that the radiative transport equation can be regarded as an
approximate reformulation of Maxwell's equations for a random continuum under certain
premises. One of theseis that the fluctuations in the permittivity €4'(r) (€« (r) = < €g(r)> +
€«'(r)) should be small. The radiance L in the radiative transport theory is then equivalent
to the statisticd average of the time-varying Poynting vedor S (seedefinition in Eq. 4.72)

used in electromagnetic theory.

Further links between the two theories can be recognised in the relationship of the three
optica properties used in radiative transport (RT) theory to parameters derived from the
single-particle analysis of Maxwell's equations. For instance, the phase function, closely
related to the g-factor, isin the transport theory generally formulated as an expansion series
in terms of Legendre polynomials (see Eq. 4.4). The choice of expansion terms is by no
means arbitrary, but can be seen as being influenced by eledromagnetic theory. Thisis o,
since the phase function in RT-theory corresponds to the anguar distribution function in
eledromagnetic theory. From Eq. 4.58 - Eq. 4.62 we know that the anguar distribution,
originating from a single scatering objed, is in EM-theory preferably expressed in
spherical wave vectors composed of Legendre polynomials.

The asorption and scatering coefficients of radiative transport theory can aso be
heuristicdly related to singe-particle parameters derived from the analysis of Maxwell's
equations. These singe-particle parameters are often expresed in terms of differential
scattering and total absorption cross sections. The former is deffied as
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2
r<s,
Eq.4.71 04(S S) =lim S
| ) S

where s and s are the unit vedors pointing in the diredion of the incident and scattered
waves. Moreover, S and Sg are the magnitudes of the incident and scatered power flux
density vectors, also called the Poynting vectors:

e
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m

where H," and Hs means the mmplex conjugate of the incident and scatered H-fields,
respectively. The absorption cross section is defin®d as

1 . 2
Eq.4.72 S, =5 (E/xH) = E |'s

1 . 2
Eq.4.73 S, =5 (E;xH) = E. s,

1 .
- I RE(EEXH )@a

Sperica area

Eq.4.74 o, =

S, |

where E=E;+E4 and H=H;+H, are the total fields. The integration is here performed over a
sphericd area surrounding the particle & large distances from the particle (r— o).
Asauming single scattering, the asorption and scatering coefficients, p, and P, used in
transport theory, are for a suspension of discrete scatering particles smply given by
multi plying the aoss ®dions with a fador propartional to the concentration of particles.
Note that this is only true for low concentrations of scaterers. If the particles are not well
separated, multiple or dependent light scatering cannot be negleded. This leals to
complicated and at present unformulated relations between the microscopic scatering
properties provided by eledromagnetic theory (0g, 0. Osnge) and the average scatering
parameters used in radiative transport theafylg Gnuiiple)-

Each model, either founded on radiative transport theory or eledromagnetic theory, has its
individual strength for different appli cations, which is well ill ustrated by the work included
in this thesis. For instance, the simple Bea-Lambert law was employed to describe the
complex phenomena of changing absorption properties of blood diring a short laser pulse
and to derive arelationship between the esorption coefficient and the temperature of blood
(Paper 111). Thus, complicated events can be described approximately, by just applying a
simple enoughmodel. The price paid by utilising Bea-Lambert's law is that the scatering
properties cannot fully be included in the modelling. However, this is not unreasonable for
certain tisales, espedally for blood, since its absorption coefficient at the 586 nm used in
this experiment was sown to be the predominating opticd parameter, compared to the
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scatering properties. The addng-doulding method, based on a discretisation of the
transport equation, was used to interrelate the transmitted and refleded light from a thin
flow cdl with the optica properties of blood, in order to monitor changes induced by slow
heding (Paper 1V). This was performed at a wavelength of 633nm, at which the light
absorption of blood cannot be cmnsidered to daminate over the light scatering. Thus, the
scatering properties cannot be negleded, which excludes the use of a ssmple model such as
that of Bea and Lambert. Besides, the forward direded nature of the light scattering by
blood cdlsyields a g-fador close to unity, where several of the other models are invalid. A
model without any restrictions in validity related to the opticd properties is therefore
needed. This is when the alding-double method may well be enployed. Furthermore, we
have asimple, layered measurement geometry and there ae no advantages to know the two
dimensional distribution of the transmittance or refledance, which again favours the adding-
doubling method. The Monte Carlo approach would be aother option and was in this work
applied in similar experiments, when determining changes in the opticd properties of liver
and muscle tissue in conjunction with photodynamic- and thermotherapy (Paper | and Paper
I1). In addition, this method is completely compatible with different tissue geometries and
provides full threedimensional information concerning the light distribution both within
and outside the tissue. The disadvantage with this randomised approach is that the
redisation of acceptable statistics is aswociated with long computation times, which,
however, can be overcome by various methods. Yet, not even the Monte Carlo method
supplies any detail ed information on the physicd scattering and absorption events. In order
to model the influence of the morphology (size shape, orientation etc.) of the biologicd
cdlsonthedistribution of light in and outside the tissue, one has to return to theory founded
on the basic laws of Maxwell, for instance Mie theory, describing the propagation of light
by taking the wave properties into consideration. The impad of hea on the sphering of the
disc shaped red blood cdls (Paper 1V), can be theoreticdly investigated by applying a
solution to the scatering problem based on a non-sphericd scatering objed, for example
the T-matrix formalism (Paper V). The total light distribution from an assembly of cdls, or
even atisauue sample, is then often deduced by simply multiplying the light distribution from
this snge scatering event by a cdl concentration related fador. This means that
cooperative scatering effeds as well as multi ple scatering events are negleded. However,
general trends of the influence of cdl morphology on the scattering distribution can still be
studied.
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5. Computational methods

The theoreticd expressons described in the previous chapter can be re-phrased into various
computer routines in order to numericdly derive solutions. There ae probably almost as
many implementations as users, except for a few standard public programs available. The
computations performed in this work are mainly based on four such programs for two
different types of applicaions. Inverse ading-doubling and Monte Carlo computations
have esentialy been performed in order to solve the inverse problem (see Papers |, Il and
1V), i.e. to determine the opticd absorption and scatering properties of a tisue sample
from measured light distribution values. This enables us to quantify the complex physicd
phenomena of light transport in tissue in terms of a few, simple parameters. The inverse
adding-doubling program of Prahl et al.*® and the mde for Monte Carlo simulations written
by Wang and Jacues'’ were used here. Furthermore, Mie theory and T-matrix
computations have been employed to solve the direa problem in Papers |, Il and V, i.e. to
estimate the light distribution from known configuration and material parameters. The Mie
theory was implemented from the work by Zijp and ten Bosch® and the T-matrix programs
were based on the code developed by Barber and?Hill.

5.1 Computations treating the indirect problem

The indirea problem is closely related to the determination of opticd properties. Solving it
is computationally a rather demanding task, since it often involves an iterative fitting
procedure. Computed light transmisdon and refledion data ae fitted to corresponding
measured values by varying the input parameters of a light distribution model, i.e. by
varying the three opticd properties Us, Mo and g. This was performed by using a
conventional numerical minimisation algorithm, the Downhill simplex metfibd.

When seleding an appropriate light propagation model for the iteration procedure, it is
clealy of grea advantage to have agood insight into the aaumptions being made of the
theoreticd derivations of the models and also basic knowledge of tisaue optics in pradice
In thiswork (Paper | to Paper 1V) the transmittance and refledance were measured of athin
tisse sample placed between two glass dides utilising an integrating sphere set up (see
Chapter 6.3). The rather simple sample geometry and the requirement of a model yielding
results of high acairacy, without any restrictions in the opticd parameters, leave us with two
computation alternatives based on either the alding-doubling or the Monte Carlo method.
An iterative program based on adding-doubling computations, the so-called inverse
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Figure 5.1 The simple flow chart schematically describes the iteration procedure used in
the IAD-program to solve the indirect problem.
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adding-doubling program (IAD), has been redised by Prahl et al.*® and a simple flow chart
of the procedure is $rown in Figure 5.1. When utilising this program, the radiance was
discretised into four cones yielding a so-cdled four flux model. Adding-doubling
computations are significantly faster than conventional Monte Carlo simulations, which due
to the many iterations needed in the fitting procedure, more or less excludes the latter
dternative. However, the Monte Carlo approach was in this work (Paper | and Paper II)
made more atradive, by developing a data base with transmittance and refledance values
originating from thousands of Monte Carlo simulations, employing the program by Wang
and Jaaques.*’ Each simulation was performed with 100 000 potons for optica properties
in the range of 2.5-25.0 mm™* for g, 0.02-4.0 mm* for p, and 0.675-0.999 for the g-fador.
Examples of the values for g=0.9 are shown in Figure 5.2. The simulations were made for a
onemillimetre thick tissue sample surrounded by the two glass slides.

@ [00.405
[0.304
m0.203
m0.3:02

m0-0.1

(b) [00.60.75
0.5 00.450.6
m0.30.45
25 m0.1503
m0-0.15

0.5

SN
o

-1
Ha, mm

Figure 5.2 Monte Carlo simulated a) refledance and B transmittance \alues are shown
versus the scattering and alsorption coefficients for g=0.9. Thisdata is a subset of the data
base used in the inverse Monte Carlo program employing spline interpolation.
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Figure 5.3 The brief outline schematically describes the iteration grocedure used in the
ISMC-program to solve the indirect problem.
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A two-dimensional spline interpolation routine was then employed for ead g-fador in the
data base, to extrad the Monte Carlo simulated transmisgon and refledion values,
corresponding to a pair of absorption and scattering coefficients (Us, Ka). This resultsin an
array of possble ys and Y, pairs versus the g-fador. A fina one-dimensional spline
interpolation over all g-fadorsisthus needed, with the total interaction coefficient (i, = ps +
Mg as input parameter, derived from measurements of the ollimated transmittance
employing Bea-Lambert’s law in Eq. 4.25. Hence, from three measured parameters (R, T,
M), we ae ale to deduce a omplete set of opticd properties (s, Ma 9) With computation
times equivalent to those of the IAD-program (in the order of a few sewnds). A brief
outline of the inverse spline Monte Carlo (ISMC) program, written by the author, is iown
in Figure5.3.

Simulating the light transport through a one milli metre thick sample does not imply any
restrictions in the sample thicknessused for the measurements, since the total transmittance
and reflecance ae linealy dependent on this parameter. For instance, when transmisson
and refledion data ae measured for a sample half as thick, the computed scattering and
absorption coefficients would simply be doubled and the g-fador remains the same. This
follows from the mncept of Monte Carlo ssimulations and has been chedked by the aithor
for a number of optical properties.

The deviation of 10° between computed and measured transmisson and refledion data, was
alowed in the fitting procedure in the ISMC-program. Yet, the acaracgy in terms of the
derived ogicd properties might be amore meaningful parameter which must be examined
and formally compared to the acaracy given by the dternative method, i.e. the 1AD-
program. The acaracy was tested by simulating approximately 1000 transmittance and
refledance reference pairs, with input parameters in the range 6<u<24mm?,
0.05<p,<1.85mm*, 0.80<g<0.98, using the dired Monte Carlo method. These reference
pairs were used together with the total interadion coefficient (W, = Us + Mg as input data,
baoth for the inverse spline Monte Carlo program and the inverse alding-doubling program.
The caculated optica properties were finally compared with the input data used for the
reference Monte Carlo simulations. The relative arors obtained from the ISMC-program
were dl |ower than one percent for the two scatering parameters and lower than 1.5% for
the absorption coefficient, except for a few computations. Slightly larger relative arors are
thus obtained for the asorption coefficient, which can probably be explained by the small
absolute values of this parameter, as compared to the scattering coefficient.

The exceptions (approximately ten out of thousand computations) mentioned were found for
combinations between largest absorption and scatering coefficients. The spline
interpolation routine then fails to find a minimum, yielding optical
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Figure 5.4 The surface plots $how examples of relative erors of the a) scattering
coefficient, b) absorption coefficient and c) g-factor obtained for the ISMC-program. The
relative arors are shown in percentage vesus the absorption andscattering coefficients
used asinpu data. The results presented here are all for gingza =0.9, but are representative
for all g-factors in the range 0.8-0.98.
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Figure 55 The surface plots $how examples of relative arors of the a) scattering
coefficient, b) absorption coefficient and c) g-factor obtained for 1AD-program. The results
are here presented in the same way as in Figure 5.4, agan with gn42a=0.9, though
representative for all g-factors in the range 0.8-0.98.

properties far from those supparting the data base. However, this is not a problem in
pradice, since the computed refledance and transmittance values were bath in the order of
0.01-0.03, which experimentally is an urredistic combination. Examples of the deviations
given by the aror analysis of the inverse Monte Carlo approach for g=0.9 are shown in
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Figure 5.4. This $ows that largest errors (though till | ower than 1 and 1.5%, respedively)
are obtained in the rea, right corner of the surfaceplots corresponding to a cmbination of
large asorption and scatering coefficients. The relative erors obtained in the 1AD-
program are larger than those of the ISMC-program, but still | essthan 2 and 5% for the
scatering and absorption coefficients, respedively, and less than 1% for the g-fador.
Examples of the relative erors obtained for g=0.9 are shown in Figure 5.5. The largest
errors were for the scattering coefficient obtained for combinations of low scatering and
large asorption coefficients, while the absorption coefficient and g-fador exhibit large
deviations for a @mbination of high scatering and low absorption coefficients.
Furthermore, a @wmparison of the surface plots swown in Figure 5.4 and Figure 5.5,
indicates different types of errors. It seams as if the relative arors obtained by the ISMC-
program have astochastic charader, in acerdance with the stochastic nature of the Monte
Carlo approach, whereas the arors obtained by the IAD-program seen to be more
systematic, since they tend to be dependent on the optical properties.

In order to evaluate the influence of the finite lateral extension of the tissue sample on both
computational methods, the original Monte Carlo code®” was modified to include lateral
boundaries. These were modelled as glass d$ides, corresponding to the experimental
circumstances. Computations were performed utilising both the original Monte Carlo
program and the boundary program for ps = 25mm*, g, = 0.20mm* and g = 0.90. The
lateral extension was first set at 5x3 cm, equivalent to the authentic sample size used in the
experiments described in Paper | and Paper II, and then followed by 2x2 cm and 1x1 cm.
The verticd geometry of the sample was equa to that used when forming the ISMC-
program, i.e. a one milli metre thick sample, with a refradive index of 1.4, mounted in-
between two glass $ides (eadh 1 mm thick with refradive index of 1.52). In order to
estimate the arors in terms of the opticd properties, |AD-computations were performed
asuuming g=0.90 and with the refledance and transmittance data from the Monte Carlo
simulations, as input data. The results are presented in Table 5.1, these reved no significant
influence of the lateral boundaries for the 5x3 cm sized sample, since the deviations in the
refledance, absorbance and transmittance ae lessthan 1% and the acompanying errors of
the IAD-computed ogticd properties (s -0.3% and . 3.3%) are within the uncertainty of
the IAD- method itself (Us -0.5% and pg: 2.3%). For the 2x2 cm sized sample adlight
influence can be observed, with deviations greaer than 1% in the refledance and
transmittance data obtained from the boundary computations, which caused larger errors
than those normally obtained by the IAD-method. Finally, a significant influence of the
boundaries can be seen for the 1x1 cm sized sample these ae in the order of 10% for the
refledance, absorbance and transmittance In consequence the |AD-method was only able
predict absorption coefficients to within £20%. Hence, when samples are used with smaller
dimensions than experimentally employed by us, the boundary

Table 5.1 Results obtained when incorporating lateral sample size in the Monte Carlo
(MC) simulations (Bounday MC) are shown bah in absolute and relative \alues.
Input data were g = 25 mm, p, = 0.20 mm?, g = 0.90, sample thickness= 1 mmand
refractive index=1.4.

Original MC Boundary MC Boundary MC  Boundary MC
Lat. sample size infinite 5x3 cm 2x2 cm 1x1 cm
Diff. reflectance 0.271 0.270(-0.4%) 0.266(-1.9%) 0.249(-8.2%)
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Absorbance 0.467 0.468(0.1%) 0.461(-1.3%) 0.427(-8.6)

Transmittance  0.218 0.216(-0.8%) 0.214(-1.8%) 0.198(-9.4%)
IAD IAD IAD IAD

Us 24.869(-0.5%) 24.923(-0.3%) 24.778(-0.9%) 24.730(-1.1%)

Ma 0.2045(2.3%) 0.2066(3.3%) 0.2116(5.8%) 0.2406(20.3%)

g (input data) 0.9 0.9 0.9 0.9

effed should and can be taken into account by the ISMC-program, but not by the IAD-
program. A new data base could ssmply be formed for the ISMC-program from boundary
Monte Carlo computations. Thus, in contrast to the IAD-method, the geometry of the tisaue
as modelled by the ISMC-method is not restricted to infinite layers. In conclusion, the
immense computations related to defining the data base for the ISM C-program, are avoided
when employing the IAD-program. However, once the data base is defined for the ISMC-
program, both methods are equally time dficient. Advantages gained by employing the
ISMC-method are better acaracy and flexibility concerning the geometry of the modelled
tissue sample.

5.2 Computations treating the direct problem

Naturally, single alding-doubling computations or Monte Carlo simulations are primarily
used to solve the dired problem, i.e. to derive the light distribution from known opticad
properties. This is for instance acomplished in Paper IlI, using opticd properties,
determined from untreaed and thermotherapy treaed liver tisaue, as input parameters in
two separate Monte Carlo computations. This was performed in order to ill ustrate the
significant influence of the dhangesin the opticd properties, asinduced by the treament, on
the distribution of treament light in the tisue and thereby most likely on the outcome of the
treatment.

Other programs applied to the dired problem in this work are Mie theory®® and T-matrix
programs'® founded on the dedromagnetic theory. They can be used to analyse light
scdtering from a suspension of well-separated particles rather than from a continuous
medium. The Mie theory program hasin Paper | and Paper Il been employed to quantify the
light distribution from a single sphericd particle in terms of the total scatering cross
sedion, using Eq. 4.71 integrated over the etire solid ange, and the g-fador. The
scatering coefficient of a suspension containing numerous, but well-separated, spheres is
then simply obtained by multi plying the total scatering cross ®dion by the particle density,
i.e. the number of spheres per unit volume. The eror in the mmputed parameters have been
shown to be lessthan 0.0003%.%° Input parameters to the Mie theory program are the size
parameter, x, equal to 2mM'g, @A (N4, is the red part of the refradive index of the
surrounding medium, a is the radius of the sphere and A is the wavelength of the incident
light) and the relative refradive index, m, equal to Nghere/Ngm (DOt red and imaginary parts).
Asaming constant refradive indices of both the scatering particle and the surrounding
medium, Mie theory computations can be used to derive the theoreticd dependence of the
scatering properties on the wavelength and sphere size**? This was carried out in Paper
I, in order to estimate an average size of the main scatterer in liver tisaie from spedra of
scattering coefficients and g-factors.
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Corresponding computations for oblate and prolate spheroids can be performed utili sing the
T-matrix programs.'*® These mnsist of three separate programs with input parameters sich
as the familiar size parameter x and relative refradive index m, but owing to the non-
sphericd shape, also the aial ratio of the spheroid (radial component along the symmetry
axis divided by that perpendicular) and the ange of the incident wave versus the symmetry
axis. The first program deddes after how many terms the expansion series of the scatered
field (seeEq. 4.62) can be truncaed, by comparing the differential scatering cross gdions
(Eqg. 4.71) computed for N and N+1 expansion terms. The original program alows a
deviation of 1%, but this convergence aiteria was changed to 0.1% for our computations
presented in Paper V. This modificaion together with the incorporation of extended
predsion variables, repladng the single predsion, and also allowing larger dimensions of
the T-matrix, were included in order to attain a convergent solution for large aad highly
asphericd particles, such as an oblate spheroid with a volume (94 pm®) equal to that of a
normal red blood cel (RBC).*? For an axial ratio of 0.33, close to that of the RBC oblate
spheroid (0.375), convergent solutions were only obtained for size parameters lower than
3.5 using the original program.*?®* The upgraded program, used in Paper V, alowed size
parameters up to 22 Thisis a significant improvement, and more importantly, enoughto be
able to compute the light scattering by a RBC volume equivalent oblate spheroid with asize
parameter at the wavelength 633nm of 19.6. Asa mnvergence ded, the T-matrix program
also sets the number of integration points required for acaurate evaluation of the dements of
the T-matrix, i.e. the surfaceintegrals. When all convergence parameters are settled, the T-
matrix is finaly cdculated and stored to be used by any of the other T-matrix programs.
Either the anguar distribution of the far field (i.e. far from the spheroid when the E-field
decays with a radial dependence of €' “/r, k=217A) can be derived for all diredions of the
scdtered light in spaceusing the second program, or the nea field (stronger r-dependence
and attenuates more rapidly) immediately surrounding the spheroid can be computed by the
third program. Both computations were performed for RBC volume equivalent spheroids in
the work presented iRaperV.
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6. Optical properties - measurement
tedniques

In order to establish our theoreticd computations, still predominantly based on the radiative
transport theory in the redity, the opticd properties must be experimentally determined.
The simplest and most straight forward method to charaderise of the light distribution in
tisae in pradice is to determine the decay of the light intensity as a function of the
penetration distance in the tisaue. By insertion of light colleding detedion fibres and by
varying their distance from the light source, the penetration depth in the tissie can be
determined.®’ If instead the detedion fibres are kept at a fixed dstance from the light
source, changes in the light penetration depth can be monitored, for instance in conjunction
with laser-based treaments®’ as found during photodynamic therapy, see Paper |.
However, there is frequently grea interest in extrading more detail ed information on the
light-tisaue interadions, i.e. to separately quantify the scatering, absorption and scatering
anisotropy properties of the tissie. There exist awide variety of measurement techniques,*’
enabling the derivation of one, two or al of these parameters. Apart from the number of
parameters extraded, the methods differ in applicability to tissue in vivo or in vitro. A brief
survey over the main techniques will be given here, although it focuses on the integrating
sphere method employed in this woRaper Ito PaperV).

6.1 One-parameter techniques

Thereisagroup of measurement procedures where one of the opticd tisale parameters can
be diredly derived without any extensive computations or simulations, provided that the
measurements are performed on thin, single-scatering samples in vitro. The narrow-beam
method (see Figure 6.1a) is such a technique, where the llimated transmittance is
measured, i.e. the fradion of light pasing straight through the sample without interading
with the tisaue. The total interadion coefficient, pu=pst+Ha, can then be cdculated using the
law of on-axis exponential attenuation (Bee-Lambert’s law Eq. 4.25), and knowing the
thicknessof the sample.**3'? This type of measurement can also be performed for opticaly
relatively thick samples, provided the multi ple scattered light is prevented from reading the
detedor (large distance between sample and detedor and small apertures in front of the
detedor). The scatering and absorption coefficients can also be separately determined, by
pladng thin samples in the centre of an integrating sphere (see Figure 6.1b).%*3° An
integrating sphere is simply a hollow
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Figure 6.1 The principles of three one-parameter techniques, employed to determine the
optical properties, are schematically illustrated: (a) the narrow-beam set up, (b)
absorption (left) and scattering (right) measurements utilising anintegrating sphere with
the sample mounted in the centre and (c) a goniometric apparatus.

sphere with the inner surface overed with a both highly and dffusely refleding material,
such as barium sulphate, apart that is from the small areaoccupied by a detecor. Thus, the
detedor measures a cetain fradion of the light flux filli ng the sphere. When a sample is
mournted inside the sphere, the lossof light compared to the sample free @ntrol, is mainly
due to absorption by the sample, related to the @sorption coefficient. When the on-axis,
transmitted light is allowed to escape out of an exit port in the rea end of the sphere, the
scatered light from the sample mounted inside the sphere is measured, and the scatering
coefficient can be determined. Finaly, the goniometric technique can be used to estimate
the anguar distribution of single-scattering events, which can be wrrelated to the phase
function, or the g-fador (seeFigure 6.1c).8203%12812% Tha seatered light from an opticaly
thin tissue sample is here determined as a function of the scattering angle relative to the
incident beam.

6.2 Two-parameter techniques

There ae a growing number of sophisticated measurement techniques alowing two
parameters, Ps=pg(1-g) and [, to be determined. These can often be gplied to dense
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tisae, i.e. in vivo measurements are posshle. This is a grea advantage, since the opticd
properties are most likely affeded as the tissue is reseded and prepared, utilising various
techniques. In general, they al involve some measurements of the amount of transmitted
light through or refleaed light by the tissue, followed by inverse computation or fitting
procedures, described in the previous chapter, to deduce the opticd parameters from the
measured quantities.

6.2.1 Spatially resolved techniques

The @ncept of spatially resolved methods is to monitor the quantity of diffusely refleced
continuous light, as a function of the distance from the centre of the incident beam, as
depicted in Figure 6.2a. Discrete detedion with opticd fibres®****31 or imaging
techniques'*2**® can be used with normal, as well as oblique incidencelight. Since the shape
of the radial dependence of the refledion is determined by the opticd properties of the
tisae, the esorption and the dfedive scatering coefficients can be derived from this
information. A low absorption coefficient allows photons of longer propagation history to
be deteded, yielding higher refledance in the peripheral regions of the refledance pattern,
wheress tisaue with stronger effedive scdtering, corresponding to a high g -coefficient,
produces greder refledance over the etire radial range. A more isotropicdly scétering
tisaue, also with high pg-coefficient, results in higher refledance dose to the catre. The
absolute values of the reduced scattering and absorption coefficients can be obtained, either
by fitting an analyticd expresson for the radial dependence generated by the diffusion
approximation,®®1°"132 or by means of a neural network trained on spatialy resolved
refledtion data utili sing the diffusion approximation*** or Monte Carlo simulations.**® This
enables the determination of two opticd properties by means of relatively simple and
inexpensive ejuipment with estimated errors ranging between about 3-15%.°%*** However,
as sveral measurements are required along a radial extension from the incident beam, in
order to determine one set of opticd properties, the acaracy is ®nsitive to locd property
variations.

6.2.2 Time-resolved techniques
Time-resolved refledance or transmittance measurements, are schematicdly ill ustrated in

Figure 6.2b, of tisaue is possble using a picosecond pulsed light source @mbined with a
fast detector, such as a streak camera.
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Figure 6.2 The principles of three two-parameter techniques, employed to determine the
optical properties, are schematically ill ustrated: (a) spatially resolved measurements, (b)
time resolved measurements and (c) frequency domain measurements.

It can be shown that the temporal behaviour of the scatered pulse following the short,
incident pulse is charaderisticdly influenced by the opticd properties,®46567687213% The
absorption coefficient mainly influences the final sope of the refledancetransmittance-
versus-time dtenuation curve. A low absorption coefficient allows more “long-lived”
photons to be registered and yields consequently a lessnegative final slope than tissue with
higher 1, The reduced scatering coefficient primarily affeds the temporal behaviour of the
pe&k refledancetransmittance value measured following ead pulse. Scatering increases
the dfedive path length in the tissue and the time. This means that lessrapid photons are
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recorded with higher effedive scatering and the pes&k value of the time-resolved
refledance'transmittance arrve is sifted to longer recording times. By analysing the shape
of the temporal curves, using an analyticd expresson for the temporal dependence derived
from the diffusion approximation®® the two opticd properties can be determined.
Comparison with measurements on tissue phantoms of known opticd properties have shown
that the arors are esentialy in the order of or lessthan 10%.°°%""* Alternatively, fitting
procedures based on data obtained from time-resolved Monte Carlo simulations can be
employed.®*® When evaluating the @mncept by performing experimental measurements of
phantoms, significantly better results were obtained, with errors lessthan 10% over a wider
range of opticd properties, compared to when fitting the data using the diffusion
approximation.® Thus, this technique dl ows the determination of the optica properties with
reasonable accuracy.

6.2.3 Frequency domain measurements

When a sinusoidally amplitude-modulated beam is propagating through tissue, it can be
thought of as a photon density wave, assciated with a cetain phase velocity and
wavelength. Depending on the asorption and scattering properties in the tisaue, the phase
of this wave is difted and its amplitude relative to the average level, aso cdled the
amplitude modulation, is to various degrees deaeased. Thisisill ustrated in Figure 6.2c. A
Fourier transformation of the time-resolved dffusion theory formula, yields analytica
expressons for the relationships between both the phase shift and modulation on one hand
and the asorption and reduced scattering coefficient on the other. It can be shown that a
deaeasing absorption coefficient, or increasing effedive scatering coefficient results in a
larger phase shift and a weaker modulation,*****® at constant source-detedor distance ad
modulation frequency. After measuring the phase shift and modulation versus the
modulation frequency, expressons derived from the diffusion theory can be used to
determine @solute values,**3381%0 or relative dhanges,™ of the two optica properties p
and p, Meaurements on intralipid phantoms by Madsen et al.**° showed reasonable
agreament between measured values and reference data, as long as not too high modulation
frequencies were required in order to obltain good d/namics in the frequency dependent
phase shift and modulation curves. This sts an upper limit for the @sorption coefficients
determined. The asorption coefficient of the phantom was relatively low, in the order of
0.01 mm?, resulting in an average deviation from the reference value of approximately 15%
and for the reduced scatering coefficient an average deviation close to 5%. The
measurement procedure requires a large number of sequential measurements, whil e varying
the modulation frequency. Alternatively, the measurements can be conducted in the time-
domain by rearding the time-dispersion curve of one short light pulse, which has
propagated through the tisaue. Fourier transformation of the pulse yields a broad spedrum
of sinusoidal components of various frequency. Thus, information on the light propagation
of frequency modulated signals can be obtained in a broad frequency range by analysing the
propagation of just one short pulse.**! This favours time-resolved measurements, and also
indicates on the close relation between time- and frequency-domain measurements.

6.2.4 Other techniques
Several other techniques of determining the opticd properties have been described, some of

which are rather spedalised. Pulsed phdothermal radiometry is an optothermal technique
based on measurements of one of the semndary phenomena asciated with light
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absorption, i.e. of the resultant increase in temperature. The time dependence of the infrared
emisson following an incident light pulse is monitored and a fitting algorithm based on an
analytica expresson derived from the diffusion approximation can be used to deduce the
absorption and reduced scattering coefficients with an acarracy ranging between 10-15%.#
The coherent backscattering technique based on the @nstructive interference of the
incident and badkscattered waves, can be used to determine the two ogticd parameters. This
results in a wherent pedk, with an anguar width inversely propational to the mean free
path in the tisaue, i.e. the redprocd of the total interadion coefficient 1/p;. Curve-fitting to
an existing theoreticd expresson, or Monte Carlo simulated data for the anguar
digtribution of the wherent pea, provides a reduced scatering coefficient with a
reasonably good acaurragy for highly scatering tissue.**3*** However, too high absorption
coefficients are invariably estimated. Low-coherence refledometry can be thought of as a
technique which determines the intensity of the badkscattered light at a cetain depth in the
tisaue, without performing any dired measurements by inserting opticd fibres. Thislight is
instead probed by scanning a reference mirror in a Michelson interferometer, with the
sample located in the end of the other arm. Interference occurs between the reference light
and that originating from a spedfic depth within the tissue. By moving the reference mirror,
different tissue depths are probed. The total interadion and badckscatering coefficients can
be measured with a discrepancy, estimated from phantom measurements, of less than
10%.%° Laser-Dopger flowmetry is a technique where the power spedra of Dopper shifts
(number of registered photons versus their frequency shift) are obtained from suspensions
of moving particles. These spedra cntain information on the total interadion coefficient
and the g-fador. For instance, alarge g-fador resultsin adeaease in the number of photons
with large frequency shifts. This is because the Dopper shifts obtained are propartiona to
sine of half the scatering ange, which is gnal for large g-fadors. The two opticd
scatering parameters can be quantified by fitting Monte Carlo simulated laser Dopper
spedra to that obtained experimentally.®® Finally, the diffuse backscattering o linearly
polarised light technique yields patterns with charaderistic radial and azmuthal variations,
which depend on the scattering coefficient and the g-factor of the suspension Studied.

6.3 The integrating sphere method - a three parameter technique

A complete set of opticd properties (Us, Ha J) CaN be determined by utilising an
integrating sphere arangement. This technique enables locd measurements on thin and
small ti ssue samples, which is not passble with the other techniques previously referred to,
i.e. the opticd properties of not only individual tissue structures but also small organs (such
as rat livers in connedion with animal studies) can be evaluated. Integrating sphere
measurements can only be performed on in vitro samples. This is one of the major
drawbacks of the method, since the physiologicd conditions (blood flow, metabolism,
oxygenation saturation, degradation products etc.) differ from those of tissue in vivo.
Moreover, the sample preparation induces changes in the tiswue, these include
dehydration.” In order to probe redistic opticad properties, cae must be taken when
preparing the samples and measurements must be exclusively performed on fresh samples.

The integrating sphere gproac is essentially a two-parameter method, where total/diff use
transmittance through and dffuse refledance from a thin tissie sample (usualy with a
thickness of 0.1-1 mm) are measured by colleding the arresponding light flux within an
integrating sphere. The transmittanceis probed by mounting the sample & the entrance port
of the sphere, fadng the light source, and the refledance is measured by pladng the sample
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at the rea exit port of the sphere, as down in Figure 6.3a aad b, respedively. The
significance of an integrating sphere is that it enables measurements of light, globally
propagating from a sample and integrated over all solid angles using one detector situated
on the inner sphere wall. This is possble since the inner sphere surfaceis covered with
highly refleding barium sulphate, yielding a Lambertian distribution of the refleded light,
i.e. with equal radiance L [W m? st™] in all diredions. Due to the sphericd geometry, this
means that the refleded powver [W] is homogeneoudly distributed over the entire inner
surfaceof the sphere. Thus, the power registered by the detecor is propartional to the total
refleded/transmitted power with a propartionality fador equal to the detedor areadivided
by the total sphere aea By combining the sample measurements with reference results
using a barium sulphate plug of known refledancein the exit port of the sphere, the ratio of
the two measured powers is esentially equal to the refledance or transmittance A more
rigorous analysis can be caried out, employing fundamental integrating sphere theory based
on the multiple reflectance in a cavify:**’

The sphere results are regularly combined with a third measurement utilising a one-
component technique, in order to extrad all threeoptica properties. A goniometric set up
has been usétf to separately measure the g-factor. However,

Detector port (@) Detector port (b)

Entrance port

Entrance port Exit port

Figure 6.3 The configuration used when measuring @ the total transmittance and b the
diffuse refledance with anintegrating sphere. Alternativey, the diffuse transmittance an
be measured by letting the olli mated light passng straight through the sample, mourted
asin a), escape out of the ext port at the rear of the sphere. The speaular refledion, i.e. the
Fresnel refledion aiginating from the surface andthus the differencein refractive index of
the sample and the surroundng medium, is not probed in the refledance measurement but
escapes the sphere through the entrance port.

the most common procedure is to perform a narrow-bean measurement on a thin tisue
sample and apply the Bea-Lambert’s law, in order to derive the total interadion coefficient,
U=HstHa (SEEEQ. 4.25). Thus, the two scatering parameters, the g-fador and the scétering
coefficient, incorporated in the reduced scattering coefficient can be isolated. The measured
parameters (refledance, transmittance and ) are used as input variables for any of the
models and methods described in Chapters 4 and 5, in order to derive the arresponding
optical properties.

6.3.1 Sources of errors in the sphere measurements
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Due to losses at for instance the sphere ports, on the barium sulphate and detecor surfaces,
we ae not deteding the total refleced/transmitted power. This would be of no concern, if
the losses for the sample measurements were egual to those of the reference, since we ae
concerned with the ratio. Unfortunately, this is not quite the situation, owing to the
differences in the anguar distribution and quantity of refleded light in the first reflecion
event from the Lambertian reflecance of the barium sulphate plug compared to the more
forward scattering tissue sample. Corredion fadors to compensate for these differences
have thus been derived.*****! |t has been shown'™* that the compensation fador for asinge
sphere, with a sample aeaof approximately 0.35% of the total sphere aeg asin our case
(Paper | and Paper Il), is close to unity (in the order of 1.05) and can therefore be negleded
irrespedive of sample refledance and anguar distribution of the refleaed light flux. This
was confirmed by Monte Carlo simulations of the 1 mm thick samples used (Paper | and
Paper 11), which found they approximated to Lambertian refleded light fluxes. Moreover,
cdibration measurements on standard plugs of known refledance have been performed,
showing small deviations in the order of +1%. Thus, this sams to be a reasonable
estimation of the measurement errors obtained from the single integrating sphere
measurements. A deviation of one percent in the input data (refledance and transmittance)
to the inverse spline Monte Carlo program corresponds to a deviation in the order of 0.5-3%
in the opticd absorption and scatering properties. A larger relative sample aeg such as
that of the spheres used in Paper 11l and Paper 1V (in the order of 1%), yields sgnificantly
higher compensation fadors (>1.1) dependent on the refledance of the sample.’®* The
compensation fador has been taken into aceunt partly due to this, but because two spheres
were anployed in a so-cdled dauble integrating sphere set up, also in order to compensate
for the exchange of light between the two adjacent spheres. Thus, double-sphere
measurements always require caeful compensation computations for reasonable acaracy,
more or less irrespedive of the size of the relative sample aea However, the use of
compensation fadors does not necessrily guarantee acarate results. One must also
consider the aaumptions being made in order to derive the compensation fadors. For
instance, acarate mmpensation can be obtained utili sing the compensation fadors derived
by Pickering et al.,****° provided the anguar distributions of the transmitted and reflected
light from the sample ae similar to a Lambertian light flux. This requires opticdly thick
samples of low forward scdtering. A compensation is thus needed for non-Lambertian
behaviour in conjunction with opticdly thin samples, when the relative sample and
exit/entrance port areaof the sphere/spheres is large, and also always for a double-sphere
arrangement (larger effed due to the interadion of the light flux in the two spheres). Since
such a @mpensation would have been necessary for the measurements on the forward-
scatering blood in Paper IV, in order to attain reasonable acaracy, no absolute values of
the complete set of opticd properties were presented. The reported lack of compensation of
the non-Lambertian behaviour can probably partly explain the reported dependence of the
derg\sled optica properties on the sample thickness when using an integrating sphere set-
up.

The Monte Carlo computations incorporating lateral boundary conditions reveds that too
small samples can also violate the acaracy of the sphere measurements. They should be in
the order of 2x2 cm and cover the etire sample port of the sphere. Furthermore, Torres et
al.™® have pointed out the importance of having a large port-to-bean diameter ratio, in
order to not to overestimate the esorption coefficient due to lateral losses. Large beams,
with dimensions in the order of 0.5-1cm, generated by several common lamps and
spedrometers sould therefore not be used dredly for integrating sphere measurements.
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Thiswas avoided in Paper | and Paper Il by guiding the light along an opticd fibre from the
light source (a Xe-lamp) to the sample mounted on the integrating sphere and in Paper |l
and Paper |V by the use of alaser asalight source Thisresulted in apredse, circular bean
with dimensions of a auple of milli metres, compared to the 2.5 cm large diameter of the
entrance and exit ports.

The opticd properties are derived not only by employing the Monte Carlo approach, but by
any of the previoudy discussed theoreticad models. Some models are less appropriate than
others, due to the thin geometry of the tissue; for instance those asaming completely
diffuse light scatering, as the Kubelka-Munk method, or the diffusion approximation. An
aternative procedure in order to satisfy the assumptions used in these models, is to employ
a diffuse light source®¥®® Instead of guiding the llimated probe beam diredly onto the
sample, it can be focused onto the sphere surface yielding Lambertian refleced light which
forms a diffuse light flux inside the sphere, incident on the sample.

6.3.2 Sources of errors in the narrow-beam measurements

The narrow-beam set-up, complementing the integrating sphere method in order to derive
al three opticd properties, is usualy arranged separately from the single’81531%% or
double®**° sphere set-up. This is done partly for pradicd reasons, but also bacaise
measurements employing an integrating sphere using larger relative sample and
entrance/exit port area requires opticdly thicker samples to oltain reasonable acarragy, in
contrast to the thin samples preferred for the narrow-bean measurements. As discussed
ealier, opticdly thick samples yield Lambertian refleded and transmitted light distributions
in the sphere/spheres are necessary to minimise the discrepancies in adual light losses

compared to those accounted for.

The narrow-beam measurement can be performed on opticdly thicker tissue samples as
well, but this requires careful separation of al the scattered light from the small fradion that
passes graight through the sample without interading with the tisaue. The eror increases
linealy with sample thickness and scattering coefficient, quadraticdly with the mlledion
angle of the detedor, and is inversely quadraticaly propartional to (1-g) and to the
refradive index of the sample.*® For opticdly thick samples, one is also limited by the
dynamic range of the detedion system. The measurements include recording the
unattenuated beam (reference measurement), as well as that passng throughthe tisaue. The
limitations pased by the dynamic range in the detedion can partly be overcome by using
cdibrated neutral density filters in the light path for the reference measurement, as
performed in this work (Papers|, 11, and 1V). Moreover, the noise level originating from the
scatered light can be suppressed by pladng two pdarising filters with parallel polarisation
axes before and after the sample respedively.”®'>* Thus, the range of opticd thickness of
the tisaue sample, for which narrow-bean measurements are undertaken with reasonable
accuracy, can be increased.

The narrow-beam error is not only influenced by the parameters discussed ealier (sample
thickness light colledion angle of the detedion, refradive index and the scatering
properties of the sample), but also on something so trivia as the aility to measure the
thicknessof the sample, an important parameter in Bea-Lambert's law (see Eq. 4.24). This
measurement must be performed with an error in the order of, or lessthan five percent, so as
not to be the dominating error source. For a 0.1 mmthick sample this means that an error of
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+5um can be tolerated, compared to 0.05mm for a 1 mm thick sample. The latter
measurement acalracy can be obtained using an ordinary pair of cdlipers, thus favouring
the use of thicker samples.

6.3.3 Double integrating sphere arrangement combined with a narrow-beam set-up

The possgbility of performing rarrow-beam measurements on opticaly thick samples under
previously mentioned premises, has motivated the incorporation of a narrow-beam
arrangement within the integrating sphere set-up. Thisisredised by allowing the olli mated
part of the transmitted light to escgpe through the rea exit port of the sphere when
measuring the transmittance, now the diffuse transmittance rather than the total 52767781156
A double integrating sphere set up, incorporated with a narrow-beamn assmbly, provides an
elegant technique of simultaneously monitoring changes of all threeopticd properties. This
technique was consequently chosen when hea-induced changes in the opticd properties of
bloodwere studied as a function of slowly increased temperature, as presented in Paper 1V.
Unfortunately, the narrow-beam measurement had to be excluded when the changes in the
optica properties during pulsed heding were studied in Paper 111, since it was not posshle
to collimate the beam enough from the pulsed laser used.

However, it cannot be ignored that the unique information provided by the simultaneous
monitoring of the three opticd properties, enabling analysis of dynamic phenomena, must
be paid with lessacairacy, compared to with that for the measurements performed without
the narrow-bean measurement. It therefore follows that relative rather than absolute
measurements are the primary scope of a double-sphere set-up when combined with a
narrow-beam arrangement. One reason is that the derivation of absolute values with high
acaragy requires elaborate mmpensation procedures, associated with larger uncertainty in
the results.**® Another reason is that the mrredion model used dees not fully acount for the
light losesin the eit port of the sphere, when the transmitted light is colleded. This occurs
when Lambertian light distribution is assumed,****° due to the forwardly directed nature of
light propagation in tisaue, espedally for blood, as previoudly discussed. Even more serious
is the interference of the escaping light, not only originating from the sample but also from
the sphere, with the narrow- beam measurements. This can be shown by comparing results
from narrow-beam
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Figure 6.4 The FWHM of aninitially 14 pslong puse, propagding through a Immthick
suspension of polystyrene spheres versus the scattering coefficient of the sample.

measurements performed with urmounted and mounted samples on an integrating sphere. In
order to better estimate the influence of unwanted scatered light on the measurements of
colli mated transmitted light, time-resolved measurements were performed. Pulsed light from
an argon-ion-laser pumped Ti:sapphire laser was used, set at a repetition rate of 76 MHz
and with a wavelength of 792nm. The light passng through a 1 mm thick sample (total
thickness 3 mm including two surrounding dass plates) was deteded by a stresk camera
with a dlit width of 20 um at a distance of approximately 40 cm, together with a reference
pulse with a Full Width Half Maximum (FWHM) of 14 ps. The samples were polystyrene
sphere (diameter=1 pm) suspensions of various concentrations in water. These were used in
order to vary the scatering coefficient. Idedly, the broadening of the pulse with increasing
scatering coefficient should be the same for measurements caried out, both without the
integrating sphere and when the sample is mounted on the sphere. However, this was not the
case, as down in Figure 6.4. The expeded broadening of the pulse is observed for both
measurement series with larger scatering coefficients due to the increased ogticd thickness
However, a substantial broadening is already observed at lower scatering coefficients,
when the sample is mounted on the sphere in contrast to when the narrow-beam set-up is
used without the integrating sphere. This indicaes that there is a significant influence of the
scatering from the sphere on the narrow-bean measurement, despite the small detedion
angle used. When performing three parameter measurements with a narrow-beam set-up
incorporated in the double integrating sphere, one should be aware of this and study
changes in the opticd properties, as performed in Paper 1V, rather than absolute values.
Hence, when static phenomena ae studied, it is advisable to do the narrow-beam
measurement separately from the integrating sphere set up in order to gain better acairacy.
Since the sphere measurements result in transmittance and refledance data of good
acarragy, as long as a mmpensation algorithm and/or cdibration routine is used, the
acaragy of the three derived opticd properties is to a large extent determined by the
narrow-beam measurement. Pickering et al.** have estimated that an error of the derived
opticd properties in the order of 5% can be adieved, when using a double integrating
sphere set-up combined with a narrow-beam measurement and IAD-computations.
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7. Microscopic features of tissue and ther
relationship to the optical properties

The opticd parameters, used to describe light transport in tissue, transate averaged
physiologicd and morphologicd microscopic properties of tissie into the language of
optics. Consequently, we can interpret the information gven by the measured opticd
propertiesin terms of the underlying morphologicd and physiologicd state of atisaue in an
averaged sense. Thisis an interesting asped, since the insight gained can in turn be used to
asess the state of hedth and condition related to bah functional and structural
modificaions of tisaues. Disorders are often acompanied by an atered cdl metabalism,
changes in normal composition of solutes and hiomoleaules, modified DNA and
mitochondrial content of the cdls, aterations in the shape of cdls and organelles, as well as
by changes in entire tissue structures due to fibrosis and incorporation of extraneous
biomoleaules, etc.. These dterations have a daraderistic and varied impad on the tissue
absorption and scatering properties. Thus, basic knowledge of the microscopic feaures
underlying the macroscopic optical properties is of great advantage in tissue optics.

7.1 Microscopic features and light absorption

Light absorption at moleaular level is perhaps a process where light exhibits its particle
charaderistics most diredly. When a photon impinges on a moleaule in the ground state,
with an excited state of predsely corresponding energy to that of the photon, then its energy
can be resonantly transferred to the ésorbing molealle. The excited state could be an
eledronic level, whose daraderistic energy is determined by the aomic and eledron
configurations in the moleaule. It could also be vibrational or rotational levels, where the
energy is mainly determined by the threedimensional positions of the gomic assembly, and
its quantised vibrational/rotational charaderistics. Moleaules are not long lived in their
excited states and the asorbed light energy can be transferred to: fluorescence photons,
hed, phosphorescence, or neighbouring moleaules possbly inducing chemicd readions.
The different de-adivation paths are schematicdly depicted by energy level diagrams in
Figure 7.1. In a wider perspedive, the light absorption essentially depends on the type of
absorbing moleaules (also referred to as chromophores), on their internal configuration, as
well as on their concentration and geometricd distribution within the tisaie. These
parameters will be discuseed and exemplified in this sdion, starting with a survey of
important absorbing molecules in tissue.



63

Vibrational {
levels

Electronic > 1 A ‘4

excited state
Vibrational
levels { L
Electronic Y _
ground state Singlet states  Triplet state
Fluorescence Intersystem crossing followed
by phosphorescence
}
A A
\\L
\W\
N

Molecule A Molecule B

Internal conversion Energy transfer to neighbouring
to heat molecule, causing chemical reaction

Figure 7.1 Possble pathways following light absorption are schematically represented by
energy level diagrams

7.1.1 Light absorbing molecules in tissue

Typicd absorbing moleaules in tissue, which require high photon energies for excitation,
are DNA, proteins, and water. Due to the high concentration of these moleaules in tisaue,
light in the ultra violet (UV) spedra region with wavelengths lower than 400nm are
strongly absorbed. The penetration depth, defined as [pa+ (1-g)pg ™ based on the diffusion
approximation, is estimated to be in the order of 10-100um,*® which is comparable to the
lateral extension of a red blood cdl (7.82pum)*?° and to the thickness of epidermis
(100 pm) >’

Far greaer light penetration, in the order of 0.2-1 mm,* is obtained when increasing the
wavelength to theisiblerange (400-70@m). The main absorbers
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Figure 7.2 The absorption coefficient of different mixtures of oxy- and deoxy-haemoglobin,
at a concentration typical for blood versus the wavdength (data oktained from
Verkruyss®® and Wrayet al™?.

here ae organometallic moleaules, i.e. proteins with a prosthetic group containing a
metallic @aom. Examples of organometallic moleaules are gytochromes in for instance the
mitochondria, haemoglobins in the red blood cdls, and myoglobin in muscle tisaie. Other
charaderistic dromophores important in the visible spedral range ae melanin in the
epidermis, the two degradation products of haemoglobin: bili rubin and haemosiderin, and
caotenes in fatty tisaie. A high correlation at visible wavelengths has been found for the
haemoglobin/myoglobin, as well as mitochondrial content in tissie with its absorption
coefficient.*3?° For instance, the asorption coefficient of white alipose tissue (fat) and
mammary adenocarcinoma (tumour tisaue) can be dtributed entirely to the haemoglobin
content.** Moreover, 50% of the ésorption in bloodfreeliver tisaue, of cdls with high
mitochondria content (22% of the total cdl volume), can be &tributed to the mitochondrial
cytochrome oxidase, and the remaining 50% to haemoglobin.** These measurements were
performed at 780nm, where the asorption coefficient of haemoglobin is comparatively
wedk (approximately 0.6 mm™ for a haemoglobin concentration of 8.4mM, typicd in
blood). Thetotal predominance of haemoglobin absorption on the asorption coefficients of
tisaue for shorter wavelengths is indicated by the ésorption spedra shown in Figure 7.2.
However, since tisale includes only a small volume fradion of blood, the general light
absorption in the visible spectral region is still clearly weaker than that in the UV region.

The average tisaue adsorption continues to deaease in the near infrared (NIR) region (the
spectral range of approximately 700-2508) and the light penetration
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Figure 7.3 A water absorption spedrum is siown on alogarithmic scale in terms of the
exinction coefficient (propartiond to the absorption coefficient). Data is obtained from
Hale and Querryf®.

consequently increases, with a maximum of one to a few milli metres®® in a wavelength
range of 700-1300nm, cdled the tisuue opticd window. At longer wavelengths, the
absorption rapidly increases again, mainly due to combinational vibrational overtone
transitions of the water moleaules. The most prominent water absorption bands can be
found at 0.76, 0.97, 1.19, 1.45 and 194 pm.*®° The sedion 1.0-2.5 um of the NIR region
also containes charaderistic but weak combinational and overtone vibrational bands for O-
H, C-H and N-H bonds generally present in most biomoleaules. Typicd transmisson and
refledion spedra of cholesterol, collagen and elastin, showing interesting spedral feaures,
are presented in Paper VII. Furthermore, with a rigorous cdibration routine, the wegk
spedral information in this wavelength region can be extraded to determine cholesterol,*®*
albumin, globulin and urea® concentrations in human serum. The wavelength segment 2.0-
2.3 um has been shown to contain particularly useful information,*®? for instance for the
charaderisation of cardiovascular tisaie & described in Paper VII. Fortunately, the light
penetration depth in tissue is quite large (approximately 300-400 um)* due to a dip in the
absorption coefficient of water in this wavelength segment, compared to that at dightly
shorter and longer wavelengths in the NIR region (@50atA=2.0 pm)

At even longer wavelengths, the mid-IR range (2.5-10 um), the ésorption charaderistics
are not only dominated by the strong water absorption, but also by distinct absorption bands
originating from numerous first-order vibration/rotation modes of the biomoleales.
Absorption spedroscopy in this wavelength range, has thus bewmme a standardised
instrument for biochemica analysis of tissie samples.*®® For instance, glucose shows
numerous spectral fingerprints between
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Figure 7.4 Absorption spedra of blood with dfferent concentrations of oxy-haemoglobin
(data obtained from Wragt al™>9).

2.5-11 pm.*** However, since onventional optica fibres do not transmit light efficiently in
this gedral range and tissue exhibits extremely low light penetration depths (1-20 pm),*
mid-IR spedroscopy is not therefore aredistic option for in vivo measurements in the
clinics.

The presence of chromophores are aucial for tisue to absorb light, as is the relative
concentration of ead absorber. The general spedral shape of the overal absorption
coefficient of tisue is esentially determined by the strong absorption charaderistics of
water, in both the UV and IR regions as sown in Figure 7.3. This is not unexpeded, since
the water content of tissie can be & high as 57% by weight."*® Whole blood, normally
containing 7.5-9.8 mM haemoglobin, has a significantly higher absorption coefficient in the
visible wavelength region than water. It is also the main absorber of visible light in tisuue in
general, but not as dominating as one culd believe from Figure 7.2, which shows a pe&k
value of the ésorption coefficient of several hurdreds of inverse milli metres. One must
keep in mind that the blood concentration in tissue is only in the range of 1-5% of the total
volume.

Changesin the @sorber concentration and the esorption coefficient are linealy related. An
increese in the @sorber concentration can therefore be monitored by an increase in the
charaderistic asorption bands. This is illustrated in Figure 7.4, where the @sorption
behaviour of three @ncentrations of oxyhaemoglobin, close to the normal range of whole
blood are presented. Despite small relative changes in the @sorber concentration, they are
often clealy apparent in opticd transmisson measurement due to the exponential
relationship between the ollimated transmisdon and the &sorption coefficient (Bea-
Lambert's law Eg4.24). This provides a sensitive tool not only for qualitative but also
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Figure 7.5 Absorption spedra of haemoglobin with dfferent degrees of oxygenation (data
obtained from Verkruys§& and Wrayet al'*9).

quantitative analysis of distinctive sorbers in tisaie, which can be used for
charaderisation. For instance, the wedak vibration absorption bands of cholesterol, collagen
and elagtin in the NIR spedral range can be used for charaderisation of cardiovascular
tissue based on transmission or reflection measurements, as sHeaypemvil

7.1.2 Configurational factors influencing the absorption coefficient

From the previous ®dion we can conclude that the ésorption coefficient of tissue is highly
dependent on the wavelength, yielding a spedral shape governed by the tissue cnstituents
and their concentrations. However, there ae alditiona fadors influencing the asorption
coefficient.

Small configurational changes in the ésorbing moleaules have a strong impad on the
absorption coefficient. This can be induced by for instance danges in temperature and in
the tissue osmotic balance the latter being governed by various lutes. Another example of
conformational changes is when an oxygen moleaule is bound to the haanoglobin moleaule
to form oxyhaemoglobin. It affeds the aitire threedimensional structure of the
haemoglobin moleaule, inducing deaeased absorption probability at particular photon
energies (i.e. wavelengths) and increased at others. These dchanges are dealy shown in
Figure 7.2 and Figure 7.5 for different concentrations of oxy- and deoxyhaemoglobin. The
maximum in the asorption pegk of deoxyhaemoglobin is shifted to shorter wavelengths (to
418nm) on being oxygenated and two peaks (at 542and 577nm) are formed from the
single @sorption pe&k at approximately 560nm (see Figure 7.2 and Figure 7.5).
Furthermore, the pea& centred at approximately 758nm, originating from
deoxyhaemoglohin, is reduced at higher concentrations of oxyhaemoglobin, as can be seen
in Figure7.5.
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Figure 7.6 The two important pathways of light scattering (elastic and Raman) are
depicted here schematically as energy level diagrams.

Findly, the geometricd distribution of the ésorbers in tisue influences the dfedive
absorption coefficient. A homogeneous distribution of the asorber results in a higher
effedive absorption coefficient compared to when the asorbing moleaules are enclosed
within discrete volume dements, due to shielding. When enclosed, only the outermost
absorbing moleaules of ead element are gparent to the light, whereas the innermost
absorbers are shielded by the surroundings. This means that only a fradion of the ésorbing
moleaules are adive, yielding alower effedive light absorption. Verkruysse et al.®” have for
instance shown that this phenomenon is dgnificant in relation to the distribution of
haemoglobin as absorber in different vessl geometries. A homogeneous distribution of a
certain concentration of haemoglobin yields higher effedive light absorption than when the
same quantity is enclosed within vessels.

7.2 Microscopic features and light scattering

The photon charaderistics of light can also be gplied to light scatering. The important
elastic and Raman scattering phenomena ae represented by energy level diagramsin Figure
7.6. The scatering event is then treaed on moleaular level. This can be depicted as an
excitation process followed by a prompt de-excitation to either the initial state of the
moleaule (elastic scatering) or to a higher/lower laying level causing a net change in the
potential energy of the moleaule (Raman scattering). When the dedromagnetic wave model
of light is used, light scatering is insteal treaed as a phenomenon originating from spatial
variations in the moderately wavelength dependent refradive index. This is perceived at
various szelevels, ranging from boundaries of organs, layers with different types of cdlsor
structural components, to sub-cdlular constituents, such as the cdl membrane, organelles,
cytoplasm, and the extracellular fluid, as illustrateBigure7.7.
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Figure 7.7 Different contributors to the light scattering in tisue, from (a) Fresnel
refledion in macroscopic organ boundaies and (b) tissue layers/cdl structures to
microscopic (c) cellular and (d) sub-cellular components, are illustrated.

Important parameters are for instance the average shape and size of the scatering objeds
relative to the wavelength. Radiative transport theory is too unpredse atoadl to theoreticdly
investigate and interpret light scattering from microscopic tissue @mponents. Instead,
fundamental eledromagnetic theory is amost exclusively used to provide detailed
information on the influence of microstructural parameters of the scatering objed on the
resultant scattering characteristics.

7.2.1 Light scattering structures in tissue

Fresnel refledion at a surfaceof an organ, asill ustrated in Figure 7.7a, can be thought of as
a maaoscopic scatering which is dependent on the diredion of the incoming light relative
to the normal of the tisue surface as well as on the refradive indices of both the
surrounding medium and the organ tisaue. The refradive indices of a number of tisaues have
been measured and found to range from 1.38 to 141 at 6328 nm. A dlight dispersion (i.e.
dependence of the wavelength) isindicated by the deaease in the refradive index over the
wavelength range 390-710n of the order of 2-4%’

Refradive indices of this order of magnitude result, at small to intermediate incidence
angles, in a Fresnel refledion in the order of a few of percent for an air-tisale interface ad
less than one percent for a water-tisaue interface It is thus a scatering phenomenon of
apparently low significance. However, with several adjacent tissue/cdl layers, or repeaed
structures with dlightly different refradive indices within the organ as depicted in Figure
7.7, the total effect can be considerable.
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Variations in refradive index over a smaller scde than that of organs and tisaue layers, can
aso be shown to influence the light propagation within tissue. The small differences in
effedive refradive indices of the extracdlular fluid and entire céls, when the cédls are seen
as homogeneous particles, have alarger colledive impad on the light scattering than that
indicated by the magnitudes of the relative refradive indices. This satering behaviour is
illustrated in Figure 7.7c. The ratios of the cdlular and extracdlular refradive indices are
close to unity, for example 1.045 for a red bood cdl in blood gasma. There is however
significant scattering due to the large number of cdls. Important feaures influencing this
ratio are low-moleaular solutes, such as eledrolytes, alcohols and aso glucose, fructose and
other sugars. Kohl et al.'®* have shown that the presence of glucose in an aqueous
suspension of polystyrene spheres, increases the total refradive index of the suspension

with increasing concentration of glUCOSE, resulting in a deaease in the relative refradive
index. Thisresultsin adeaease in the scatering coefficient and an increase in the g-fador,
which was confirmed by Mie theory computations'®***%® Chance et al.**® have shown a
corresponding deaease in the dfedive scatering coefficient for different kinds of sugars
(including ducose), eledrolytes and acohols in lipid vesicle- (Intralipid) and cdl-
suspensions, as well as in liver tissue.

The cdl mainly contains an aqueous lution of eledrolytes and proteins, the g/toplasm,
with an effedive refradive index of approximately 1.38,% while the cél membrane and cél
organelles are compaosed of phospholipid layers and proteins with refradive indices in the
range of 1.43-1.51.%''* However, since the fradion of these higher refradive index
components is rather small, i.e. in the order of 5%, the dfedive cdlular refradive index
can be etimated to approximately 1.40.°° When studying the spatial variations in the
refradive index over a microscopic scade such as the inside of a cdl using a phase
microscope, it is found that the cdl membrane and the nucleus are the components which
are the dominant contributions to the célular effedive refradive index;*® these ae far more
important than for example the mitochondria. However, this does not mean that the
membrane and the nucleus are the main scdterersin tisaue. Apart from the refradive index,
parameters aich as gructure, size ad concentration of the scdtering objed must also be
taken into acourt. For instance, the cél membrane has a thickness of only 5-10 nm and
thus has a relatively insignificant effect on the total light scatering from the cdl **%!
despite its high refradive index. Instead, a high correlation between the reduced scatering
coefficient and the mitochondrial content has been found.*? Tisaues of high mitochondrial
content exhibit high - coefficients. Light scatering from tisaues with high concentrations
of

Table 7.1 Cell comporents and their correspondng properties of importance for the
evaluation d light scattering, as well as their individua contribution to the total cdlular
light scattering.

Cell Refractive Size Concen- Membrane Scattering References
component index tration structure efficiency
Membrane high thin low low low 96,110,111
Nucleus high large low low low 96.120
Mito- low small high high high 96,113,120

chondrion
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Lipid vesicle high small  highin low high (when *2%#
fatty tissue present)
Endo- low small depends on very high ? %
plasmic cell type
reticulum

mitochondria, such as liver tisae, can to a large etent (but far from completely) be
attributed to this organell e, despite its low refradive index. This can be mainly attributed to
the large volume fradion (22%) in the hepatocyte,**3'?° but posshly also to its internal
structure with a high (20-40%) membrane mntent which fadlitates light scattering®® A
layered structure is, as previously discussed, a more dficient scaterer than a wrresponding
homogeneous objed. When the internal structure of a scattering objed is lesshomogeneous,
it causes increased large-angle scatering and deaeased small-angle scatering.**®'° This
argument can, beside the low particle oncentration, also partly explain the low effedive
scatering of the nucleus. Despite its high refradive index, a low correlation between the
reduced scatering coefficient and the tissie DNA content is found.** The low volume
fradtion of membrane structures in the nucleus (0.2-0.7%) is probably an explanation for
this. Thus, it would be interesting to investigate the ntribution to the cdlular light
scatering by the organelle endopasmic reticulum, as the volume fradion is as high as 50-
60%.% Moreover, lipid droplets inside the cdls of adipose tisaue (fatty tissue) have been
shown to be amajor contributor to the célular scatering, due to their high refradive index
and high volume fradion (88%) in the cdl.** The strong scatering charaderistics of lipid
particles is further confirmed by the high correlation found between the lipid content of
liver tiszile and the reduced scatering coefficient,*” when the influence of the
mitochondrial content has been compensated for. However, these measurements were
performed in vitro. Thisis important to note, since the lipid droplets lidify, affeding the
scatering properties, when the tisaue temperature is reduced from normal to for instance
room temperature. Results from time-resolved measurements performed by Berg® on fatty
porcine tisaue indicate an increase in the reduced scatering coefficient when the tissue
temperature was lowered from 37°C to 15°C. A summary of the cntributions of the
different cdl components to the célular light scatering discussed above is presented in
Table 7.1. In addition, Rayleigh scatering from maaomoleaules, such as haanoglobin and
abumin, suspended in the etracdlular fluid and/or the oytoplasm contribute to the
scattering behaviodr’

7.2.2 Configurational factors influencing the scattering properties

Configurational aterations in cdl clusters, cdls, organelles and maaomolealles have a
significant impad on the scatering properties of tisaue. It can be induced by various
changes in normal physiologicd parameters, such as temperature, locd concentration of
eledrolytes, oxygenation saturation, etc., as can be observed as a mnsequence of for
instance disorders in the tisaue, treadment response and tisale deterioration post mortem.
Thisis discussed further in Chapters 8 and 9. In order to improve the understanding of the
effed of these mnfigurational alterations on the scatering properties, theoreticd studies
should be helpful.
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Detailed theoreticd information on the light scatering from spedfic cdls and their
organelles can be obtained by utilising the various methods based on eledromagnetic
theory, as described in Chapter 4.3. For instance, the red bood cdl (RBC) is often
modelled as a homogeneous here amploying Mie theory computations.” Despite the
discrepancy between acua and modelled cdl shapes, the theoreticd results siow good
agreament with experimenta results from diluted blood samples, probably owing to the
random orientation of the cdlsin the non-flowing samples, used for the measurements. The
asumption of a homogeneous cdl is also satisfadory, sincethe red boodcdl is composed
of a cdl membrane and a o/toplasm containing haemoglobin moleaules but basicdly no
organelles. The cdl membrane has, as discussed above, a minor influence on the light
scatering. It is thus reasonable to incorporate its contributions via the dfedive refradive
index of the entire cdl, which again is confirmed by the good correspondence between Mie
theoretical and experimental results.

Mie mmputations can also be employed in order to investigate the influence of the size of
the scatering objed, as well as of particle volume changes on the light scatering.*°%'%° The
genera results from such computations $ow that small scaterers, compared to the
wavelength, yield essentially isotropic scatering, whereas particles of greder size the
scatering is of a more pronounced anisotropic charader. This has also been confirmed by
experimental results from measurements on red blood cdls*’* Moreover, the scatering
cross dion increases with particle volume. Increased cdl size, which occurs due to for
instance osmosis, thus increases the forward scatering and also the scattering probability.
From these computations it is clea that the anisotropy facor, g, is grongy dependent on
the average size of the main scaterer in the tissue and can in fad be used to derive aso
cdled Mie equivalent average radius from measured g-fadors, as was sown in Paper Il
utili sing a sphericd-particle model. For instance, the measured g-fador of bloodis close to
unity in the visible wavelength range (approximately 0.99) and corresponds to a large
scatering objed with a size mmparable to the red bood cdl. Thus, the main scaterer in
bloodisthe entire red bloodcdl. Performing the same estimates from measured g-facors of
liver tissue, reveds a scatering particle with a Mie eguivalent average radius comparable to
a mitochondrion (see Paper II). This corresponds closely with the high mitochondrial
content in liver tissie and its dominating influence on the scattering properties,**'%° as
discused previousy. Mie computations utilising a o/lindricd-particle model can aso be
applied, in order to investigate the influence of the size of an elongated scatering objed
such as collagen fibres, a structural intercelular substance in skin, on the light scatering.”
Correspondingly, thin (compared to the wavelength) fibres yield scatering with isotropic
charader, whereas an enlargement, as observed for example with the gestational maturity of
collagen fibres in neonatal skin, increases the anisotropy and the scattering cross £dion.
This has also been confirmed for cylindrical organelles in retinal nerve ffres.

Although the ntributions to the total cdlular scatering from the nucleus are relatively
small, changes in its $ze and refradive index influences the anguar distribution of the
scatered light. Rayleigh-Gans-Debye (RGD) computations of a layered sphere model, with
a particle size in the order of a lymphocyte, reveds that an increased nucleus diameter, at
constant total cdl size increases the forward scatering. This is confirmed by results
obtained from Finite-Difference Time-Domain (FDTD) computations.’”® However, a
deaeae in refradive index of either the nucleus, or the surrounding cytoplasm causes a
deaease in the forward scatering.*’® This provides the means to extradt information on
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nuclear size ad shape by measurements of the scattering distribution,*”® which is of
importance in conjunction with for example cancer detection.

Changes in shape of the scatering objed aso influences the anguar distribution of the
scatering. This was evaluated in Paper V by performing T-matrix computations utilising a
spheroidal model with a particle volume egual to that of a red bood cdl. In generd,
particles with pronounced asphericd shape, exhibit asymmetric scatering, resulting in for
example an ellipticd anguar scatering distribution, as confirmed experimentally by Burger
et al.."® The transformation of a disc shaped into a sphericd cell, as well as the donggtion
of prolate shaped cdls were shown in Paper V to, on average, deaease the anisotropy at
constant cdl volume. The former small but distinct deaease in the g-factor found when the
disc shaped red blood cdls become sphericd heding, see Paper 1V. A summary of the
morphological changes discussed here are presented in Table 7.2.

This survey indicates that the light scattering from individual cdls is highly dependent on
the cdl morphology and that eledromagnetic theory provides useful computational
instruments to investigate this dependence in detail. Elaborate

Table 7.2 Common changes in cell morphology and their impact on the anisotropy and
scattering efficiency of the cellular light scattering

Shape transformation  Anisotropy Scattering cross section ~ Computation
factor method
Q =\ Q increase increase Mie> >
4 increase increase Mie,” RGD'**

dependent on the relationship Modified

Q =\ decrease between the internal structure anomalous
and the total particle diffraction *°®
shape/size FDTD'
/;x Tcrease notevaituated Modified RGO
Q U FDTD'"®
( §> A/ decrease not evaluated Modified RGD'"?
@ =\ P decrease not evaluated Moditied RGD"*
‘ decrease decrease T-matrix
M>ﬁ> < @ (Paper V)
A decrease decrease T-matrix

~D> (Paper V)
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studies on the anguar distribution of the scattering,®*! as described in Paper V, often
reved significant discrepancies compared to the Henyey-Greenstein (H-G) phase function,
normally used to describe the anguar distribution of a singe scatering event in transport
theory. The H-G function exhibits larger side and badk scatering at high gfacdors, than
given by scatering computations based on eledromagnetic theory for the same value of the
g-fador. Whether this disagreement is due to erroneous assumptions made in the
eledromagnetic theory model used, or to the empiricd charader of the H-G function,
remains uncertain. It could be that the "single scatering’ event described by the H-G
function corresponds to the integral scatering from more than one cdl, or to the scatering
from one cdl, including colledive dfeds from the dosely surrounding cédls. The average
distance between two "single scattering” events for tissue is typically in
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Figure 7.8 Four different phase functions, normalised at 0° are displayed versus the
scattering ande. The Mie and Rayleigh-Gans phase functions were obtained from
computations utili sing the subroutines written by Bohren andHuffman™ and an an#tical
expresson'’ for a volume auivalent sphere of a red blood cdl (RBC) at 6328 nm. The
HenyeyGreenstein phase function was computed for the g-factor 0.9939 correspondng to
the angdar distribution cerived from the Mie computations. Finally, a simple fit of the
Reynadds-McCormick phase function to the Mie phase function resulted in a gfactor of
0.94 and aro of 1.3.

the order of 25-60 um, which indicates an integral scatering from several cdls, organelles
and structural components. The Henyey-Greenstein function has experimentally been shown
to describe the light scatering in dermis well (to 90%)™ and it has sibsequently been used
for amost al types of tisales. However, its appropriateness to describe the highly
anisotropic light scatering charaderised by extremely high gfadors, as for example in
blood has been discused. Other phase functions have instead been applied, such as
Rayleigh-Gans and Reynolds-McCormick phase functions (the latter dependent on two
parameters, g and a), which have been found to be more cwmpatible with experimental
results. 2228303 A" comparison between four different phase functions, all computed for light
scatering by a sphere with the same volume a ared bood cdl, is $own in Figure 7.8. It
reveds a significant discrepancy between the Henyey-Greenstein and Mie phase functions.
The Rayleigh-Gans and Reynolds-McCormick phase functions correspond better with the
Mie phase function and might thus be amore gpropriate choicefor computations of light
scatering by blood Thisisimportant to bear in mind, sincethe choice of phase function has
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been proven to have a large impad on for example Monte Carlo simulated results,
especially close to the source?®

The theoreticdly derived asymmetric scatering from cdls with a highly asphericd shape,
can often be negleded when modelling light scattering in tissue, since this effed is often
averaged in pradice by the random orientation of the cedls. However, the asumption of
isotropic aamuthal light scatering (with constant scatering probability over the azmuthal
ange Y = 21€, where & is randomised number, see Eq. 4.41) in tissuie might not be
appropriate for structurally aligned cdls in tissie such as muscle tissie?? For instance
measurements performed on flowing blood, which induces cdl alignment due to the shea
stress, have clearly shown asymmetric back scatt&fing.
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8. Laser-based treatment modalities -
tissue optical aspeds

The primary cause of a treament modality employing laser light, is the transformation of
light energy into hea or chemicd energy, via light absorbing endo- or exogenous
chromophores. An essntial variable governing a succesful outcome of the treament is
therefore the distribution of these dficient absorbers. They correspond to an adive part of
the opticd absorption coefficient. In addition, the distribution of the radiation is an equally
esential fador, governed not only by the asorption of the moleales adive in the
treament, but also by other chromophores, as well as by the scatering of the tissue. The
treament should of course finally destroy the diseased tisaue. The treament affeds the
tissue and consequently modifies its optica properties, which in turn alters the distribution
of thelight. It isthus clea that treament modaliti es utili sing laser light are charadterised by
a omplex dynamic behaviour. Changes in the opticd parameters have been estimated in
connedion with clinicd laser treament modaliti es, such as photodynamic therapy (PDT)
and thermotherapy with both long and short time @nstants, as presented in Paper | to Paper
V.

8.1 Photodynamic therapy
8.1.1 The distribution of the photoactive drug

Photodynamic therapy (PDT) is a treament modality primarily applied to cancers. It is
based on the photochemicd interadion effed and can be though of as a light adivated
chemotherapy. A photosensitive cmpound (for instance Photofrin) or pro-drug (for
instance -amino laevulinic add - ALA) is administered to the patient, either systemicadly or
topicdly. Their photoadive aents, protopaphyrin IX (PplX) for ALA and paphyrin
derivatives for Photofrin, are to some extent seledively acamulated into malignant tisaue,
thus preparing the ground for seledive tumour treament. The seledivity for topicdly
applied ALA is primarily becaise it readily passes through only an abnormal epithelium,*"®
and for systemic administrated ALA and Photofrin presumably owing to charaderistic
properties of tumour tissue, such as low pH due to high anaerohic glycolysis, the presence
of specific antigens and receptdfs°and also increased vascularisatith.

The type of administration, affeds the distribution of the PDT-adive asorber. Topicd
application, for example on the skin, or intraperitoned administration resultsin a superficial
and locd distribution*®! and thus a crrespondingly locd treament. There is then lessrisk
of phototoxic readions in other organs and minimal danger of perforation of the treaed
tisaie in e.g. the oesophagus, bladder or uterus. In contrast, fully systemic administration
(oral or intravenous) results in a wider distribution of the photosensiti ser,*8* which enables
treament of cdl layers deger within the tisaue, but also induces a more genera
photosensitisation in other organs.

Intracdl ularly, the mitochondrion seemsto be a @mmon location for both these sensiti sers.
For instance ALA is transformed into PplX in the natura haen synthesis pathway
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proceading in the mitochondria, and this occurs with greaer efficiency in many tumour
cdls*"®'82 Moreover, the lipophilic porphyrin derivatives are preferably stored in the
phospholipid hilayers of different membrane structures, primarily those in the
mitochondria.*"!%3 No observations of microscopic, cdlular changes originating from the
photosensitiser itself have been reported, although ven Hill egersberg et al.” have reported
an increase in the scattering coefficient and a deaease in the g-fador following intravenous
administration of Photofrin before irradiation. Changes in tisue structure or physiology
were postulated, although ro microscopicad changes could be distingushed in histologicd
samples. The possble influence of fluorescence from the photosensitive agents, inducing
anomalous results, was also considered. The former explanation seams rather unlikely,
considering that the increase obtained in the reduced scatering coefficient was
approximately 30-100%, which usually corresponds to dstinct aterations in the tissue
morphology, as found for instanceRaper Il

8.1.2 The light distribution

No chemicd readions occur before the irradiation starts, i.e. the photons can be considered
as reggents, where the readion pathway is determined by the photon energy. Sincethere ae
several possble pathways, the choice of photon energy (i.e. the wavelength of the light) is
aso influenced by the opticd properties of tissue. The requirements of high absorption of
the photosensiti ser and low absorption of endogenous chromophores must be balanced. The
porphyrin-based sensiti sers exhibit several stronger absorption bands in the region between
400-650nm, these deaeasing in strength at longer wavelengths. At first sight, better
treament results sould be obtained if light with a wavelength around 400nm was
employed, probing the most efficient absorption band of the sensitiser. However, light at
approximately 630-635nm is normally used, employing aweaker absorption band, sincethe
penetration depth is sgnificantly greaer at longer wavelengths in the visible wavelength
region, as discussed in Chapter 7. Lessefficient light absorption by the sensitiser in alarger
tisaue volume produces a better outcome, since the treament light has a better chance to
read peripheral neoplastic cdls, thus deaeasing the risk of partial treament and
recurrence, than strong light absorption in a superficial tissue layer.

8.1.3 The photochemical reaction

When the photoadive moleaules of the photosensiti ser absorbs red light at 630-635nm, the
photon energy is just enoughto promote the moleaules into the first excited singlet state, but
insufficient for excitation to any higher levels. Following this first excitation path, the
moleaules are transferred from the excited singlet state, via intersystem crossng - a process
involving a diange in sign of eledron spin - to the lowest triplet state, but ill
corresponding to a higher energy than the origina ground level. The relaxation to the
singlet ground state from this triplet state is an urikely process resulting in unwsually long
(in the order of 100 ps compared to 10 ns for a singlet excited state™®®) lifetimes for the
excited moleaules. This means that there is time elough to interad with surrounding
moleaules, predominantly with oxygen, forming highly readive singlet oxygen.”’” Thus, the
excitation of photoadive moleaules ultimately causes an oxidation. The outcome of the
treament is consequently not only influenced by the distributions of photosensitiser and
light but also relies on the presence of oxygen.
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8.1.4 The treatment response

Target moleaules for the oxidation are proteins, nucleic adds and phospholipids. For
instance, inhibition of important enzymes (e.g. mitochondrial cytochrome c oxidase) by
oxidation of amino adds in their adive centres and conformational changes of membrane
proteins have been suggested as important mechanisms for cel deah by PDT.}’
Consequently, mitochondrial damage has consistently been observed.!” Tumour cels as
well as vascular endaothelial cdls demonstrate this damage to a greaer extent and are thus
more susceptible to PDT than other cdl types, but not necessarily correlated with the
content of sensitiser.>”® This means there ae esentially two types of damage which can be
observed following PDT. These ae dired destruction of the tumour cdls aswell as vascular
damages. The latter causes ®mndary injuries in terms of deaeases in the quantity of
nutritional substrates and oxygen reading the tumour tissue.!’®'®° |t appeas as if the
destruction of tumour tissue following PDT, employing systemic administration of
Photofrin or ALA can be mainly attributed to damage to the microcirclation, e.g. oedema of
vascular endathelial cels and blood stasis in the vascular lumen.'®¢*®° This causes an
immediate deaease in blood flow'®**®° and red blood cels are then acawmulated in the
dilated blood vessls. In the opticd properties, thisis mainly refleded as an increase in the
absorption coefficient, as demonstrated in Paper |. When vascular damage is readed, the
treaed tisaue layer serves as an absorbing filter for the underlying tisaue, thus reducing the
treament depth. This can be shown by the insertion of opticd fibres into the tisue to
different depths; these serve & dosimeters during the treament, and monitor the deaease in
light intensity with treament time. This was described in Paper |, confirming the results
obtained by others.*®* The change in the dfedive asorption coefficient was found to range
from 30 to 100% in a inm thick superficiatissue layer.

In contrast to the aove discusson, it was found that the resulting blood flow increases
following PDT after topicd applicaion of ALA.'®? This indicates a totaly different
underlying mechanism, vascular damage does not occur. An incressed blood flow can be
monitored employing laser-Dopder imaging, as discussed in Paper XI, not only
immediately following the treament but until normal tissue has fully replaced the mali gnant
lesion, which can take gproximately eight weeks. This indicaes an inflammatory readion,
asaresult of dired response to the treament by the tumour cdls. The differencein response
medhanism between the two administration modaliti es is probably becaise the vascular
endathelia cdls are more diredly exposed to the sensitiser by systemic administration, as
compared to topicd application, where the drug does not esentially enter the blood stream.
The resulting inflammatory response in conjunction with topicd administration, increases
the quantity of blood cdls in the tumour area both during and after the treament. This
probably also produces an increased total tissue asorption coefficient during the treament,
owing to the increasing concentration of the endogenous absorber, haemoglobin. Results
obtained from dosimetry measurements during PDT, utilising topicdly applied ALA,
confirms this hypathesis, sinceit was found there is a mnsistent steady deaease in fluence
rate when 11 petients were treated.*?” However, the topicd administration is often applied
to superficial lesions in for instance the skin and the increased blood flow essentialy takes
place beneah the epidermis and the lesion. Hence the “blood filter” does not probably
significantly affea the treament efficiency for such superficial lesions. However, it might
have a1 impad on the treament of nodular lesions, partly explaining the less siccessul
outcome of ALA-PDT, compared to that found for the superficial lesions. Still, an average
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penetration depth of 2.8 mm, corresponding to a distance where the fluence rate was

reduced by el based on the diffusion approximation, was measured in vivo during ALA-
PDT.**" A similar penetration depth, was confirmed by Monte Carlo simulations performed
by Svaasand et al..*®® Thus, the primary problem for topicd applicaion appeas to be the
limited ALA penetration and dffusivity. Microscopic fluorescence studies have shown that
the detedion of porphyrin fluorescence in conjunction with topicadly applying only ALA is
limited after 3 hours to a depth of 0.75 mm.'®" Dimethylsulfoxide (DMSO) was sown to
enhance the ALA penetration by a fador of threg resulting in a ALA penetration in the
same order as that of the light.

It is thus clea that the outcome of the treament is a cmplex function of several mutually
interading parameters. Thus, a dynamic dosimetry model is needed, from which the
cytotoxic dose can be cdculated, in order to estimate the optimal treament parameters.
Svaasand et al.'** have developed such a model, including time dependent computations of
the ALA distribution in the skin, and cdculations on the formation of PplX and the
generation of singet oxygen from the light distribution. Mechanisms sich as drug cleaance
and photo bleading of the photo adive moleaules were taken into account. This model
would, for instance, be an excdlent platform for detail ed analysis of the possble impad of
changing opticd properties on the outcome of the treament. This could be adieved by
incorporating a dynamic relationship between the oytotoxic dose, as a measure of the tissue
damage, and the optical properties.

8.2 Thermotherapy

Photosensitive agents are not necessary for all | aser-based treaments. The light energy can
also be asorbed by endogenous chromophores and then transformed into thermal energy.
When the tissue temperature excealds 100°C, vaporisation of the water occurs. Bubble
formation follows, which causes an increese in transmittance and refledance ad thus a
dynamic increase in the light scatering, as was siown for blood in Paper Ill. This
vaporisation is employed in laser surgery, where the scapel is replacal by a laser beam.
Tissue can aso be destroyed at temperatures below the water vaporisation threshold.
Protein denaturation (coagulation) is induced at temperatures above 45°C, and deadivation
of the cdlular enzymatic processes can arealy be observed at 40°C. These ae the
underlying mechanisms of thermotherapy and laser-induced hyperthermia. The optica
effeds of hyperthermia ae insignificant, in contrast to those caused by thermotherapy. We
will therefore focus on the tissue optics in conjunction with thermotherapy in this chapter.

8.2.1 The light energy deposition

Thermotherapy is primarily used for cancer therapy and elimination of vascular
malformations guch as port-wine stains. The temperature distribution, which here is the
origin of the treament effed, is not only governed by the thermal properties of tisaue, i.e.
the thermal conductivity [W m™ K] and spedfic hea [Jkg™ K™], but also by the source
and sink configuration. A typicd sink in tisaue, is the blood flow from the heaed volume,
which is dependent on the perfusion rate [s']. The source term is smply the incident light
energy deposition. A variable influencing the energy deposition is the distribution of the
treatment light. With basic knowledge of the wavelength dependence of the opticd
properties, as was discussed in Chapter 7, the optimum light distribution can be designed by
corred seledion of the wavelength in order to illuminate gpropriate the volume. If a
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wavelength in the tissue opticd window is sleded, for instance 1064nm produced by a
continuous wave (c. w.) Nd:YAG laser, this enables high opticd penetration depth and thus
a temperature distribution with a pe&k 1-2 mm beneah the irradiated tissue surface
followed by a sow deaease with depth.’®® In contrast, the temperature distribution
foll owing continuous irradiation with a wavelength in the blue/green range (producing one
tenth the penetration) generates a higher peak value, athough this is located at the tisaue
surface Thereis also amuch more rapid attenuation with tissue depth.**® Superficial lesions
are thus efficiently treaed by the latter system. However, instead of a high maximum
temperature, as obtained with blue/green light, a greaer treament depth and a more even
temperature distribution is normally desired in a dinicad setting. Thisis why NIR radiation
can be used with advantage. The reason for this is to achieve complete gadication of
peripheral malignant cells.

The eergy deposition is also governed by the thermally active part of the optical
absorption coefficient, which can now be regarded as a light-hea transformation efficiency
coefficient. When wsing NIR light, which is normally clinicdly preferred, the entire average
absorption coefficient of the irradiated tisaue volume is esentialy thermally adive. Thisis
because only an insignificant portion of the gsorbed light energy is lost via other pathways
in the NIR-range, compared to that being transferred to thermal energy. At shorter
wavelengths me of the light energy is lost due to for instance fluorescence,
phosphorescence or chemicd energy, which results in a lower thermally adive part of the
average asorption coefficient. Moreover, the thermal |1, is at some wavelengths completely
dominated by the absorption of one tissue nstituent. This is true for tissue cntaining
chromophores with distinct spedral absorption bands, for instance blood with its highly
light absorbing haemoglobin. Thus, the transfer from light to thermal energy solely takes
placein the predominantly absorbing tisaue, enabling seledive thermotherapy of this and
only the immediately surrounding tissue. This approach is employed in the treament of for
instance vascular malformations.*®® This means that the vascularity can efficiently be
destroyed, without thermal injuries being induced in the hedthy lessabsorbing surrounding
tisaue, resulting in minimal scar formation. At first sight optimal photoseledive treament
can be dtained using wavelengths associated with maximal absorption coefficients of the
target tissue. For vascular malformations this would be & 577nm, the position of the
highest absorption coefficient of blood However, the anfiguration of the absorbers in the
tisaue has been shown to significantly influence the light distribution. For the treament of
vascular malformations, it has been shown experimentally that better treament results are
achieved using a wavelength of 585nm, corresponding to a significantly lower absorption
coefficient of the blood' The eplanation of this has been found via Monte Carlo
modelling, which reveds that 585nm yields a more homogeneous light and hea energy
distribution, resulting in thermal damage to the entire vessl and not just the top surface as
with 577 nm.8%1%8 A Jower absorption coefficient means that not only the blood absorbs less
light, but also the surrounding vessels. Hence, a more pronounced dffuse light flux is
formed, which is of advantage in the treament efficiency of both the underside and of
deeper lying vesEls. Thiseffed is not solely determined by the asorption coefficient of the
blood but rather by a product of the absorption coefficient and the vessl radius, which
quantifies the effedive light absorption, as well as the distance between the vessls.
Verkruyse et al.®” have discused the importance of considering the dfedive light
absorption, rather than a @nfigurationally uncompensated absorption coefficient when
evaluating the light distribution. The reason for thisis because the blood cdlsin the cantral
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part of the blood vessl is opticdly lessadive, owing to the shadowing by the surrounding
cells, as discussed in Chapfter

The temporal outline of the energy deposition influences the thermal distribution
significantly. Continuous, or pulsed irradiation with exposure times longer than the thermal
relaxation time, i.e. in the order of milli seconds'®® for blood, means a small fradion of the
stored hea energy is continuously lost during the irradiation via thermal diffusion. This
results in a widely distributed, less €ledive, thermal effed and a lower pesk temperature.
The thermal distribution will then mainly be determined by the thermal properties of the
tisaue, rather than by the optica properties.'®® In contrast, a locd heaing, more or less
corresponding to the irradiated tissue volume, is obtained with a light exposure time in the
order of, or lessthan, the thermal relaxation time. Therma diffusion does not start until
most of the light energy has been transferred into stored hea energy, resulting in a high
locd temperature. It follows from this that the thermal distribution is now mainly
determined by the light distribution and thus the opticd properties. High enough
temperatures to cause thermal damage to a range of treament volumes can be obtained by
changing the length of the laser pulse. Thus, the pulse length determines the diameter of a
blood vessel that can be successfully damayed.

8.2.2 The treatment response

The hed induces different types of damage, depending on the temperature & well as on the
duration of the hea exposure. However, the general trend is lower temperatures require
longer hea exposure and a higher temperature ashorter hea exposure, in order to induce a
spedfic degree of thermal damage, mathematicdly expressed by a damage integral (for a
review, seeJaacues?). Low temperature in combination with long hea exposure time caises
subtle damage, such as inadivation of vital enzymes followed by swelli ng of mitochondria
and the endoplasmatic reticulum.”°*?°* Higher temperatures induce the typicd thermal

coagulation, i.e. immediate denaturation of proteins, irreversible modificaions of other

biomoleaules uch as the phospholipids in the membranes. In all, this causes morphologica

dterations of the organelles, membranes and extracdlular components, and also small

granules with the resulting degenerative matéffal.

Disregarding which of these is adually used (long or short hea exposure), distinct cdlular
damage can be adieved, which is necessary for the treament of e.g. tumour tissue and pat
wine stains. For successul results, some kind of seledivity between diseased and normal
tisaue is desirable, such as for the blood vessl malformations in port-wine stains. This
seledivity originates from the natural difference in absorption coefficients of blood and the
surrounding dermal tissue & the wavelength of the treament light. Seledive thermal
treament of malignancies can also be adieved, since some cawce cdls are more
susceptible to elevated temperatures than normal cedls. Vascular endathelial cdls aso
exhibit this higher susceptibility, resulting in vascular damage and deaeased bood supply,
causing seandary injuries to the tumour tiswue.?*? The seledtivity is here obtained due to the
abnormal tumour vasculature.

It is thus clea that morphologica and vascular alterations occur during the treament, these
have been shown to affed the opticd properties and consequently the light distribution. The
disruption of the organell es, arranged in smaller aggregates, and also the formation of small
granules of coagulated proteins following thermal coagulation has been shown to increase
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the reduced scattering coefficient (by a fador ranging from 2 to 7 times, depending on the
wavelength and tissue) when various tissue samples, such as aorta, myocardium, liver and
muscle tisse, are dther sowly heaed in vitro,"’"112119156203204 o hetantaneously photo-
coagulated during laser irradiation for 20-40 s The increase in reduced scatering
coefficient was attributed to a deaease in the g-fador, asaresult of the formation of smaller
scatering aggregates.’ 112118119156 This is in good agreement with the lower g-fadors for
smaller particles by Mie theory computations, and also with the lower g-fador for “cloudy”
compared to “clea” particles found from computations based on modified anomalous
diffradion, as sammarised in morphologica changes on the scatering properties in Table
7.2. In order to investigate the influence of hea on not only the tissue matrix, but also on
the main absorber in tisaue, whole blood was dowly heaed while monitoring its opticd
properties, as described in Paper 1V. Small, but distinct, changes in the scatering properties
were ohserved when the disc shaped red blood cédls becane sphericd. The deaease in the
g-fador is in acordance with the T-matrix computations when the light scatering by an
oblate spheroid was compared to that by a sphere (see Paper V; see dso Table 7.2).
However, the increase in the asorption coefficient at higher temperatures was the most
dominating modification observed. From their investigations on absorbance measurements
of heaed and irradiated blood, Tan et al.?*® suggested these changes could be related to the
formation of degradation products of haemoglobin, as well as to haemolysis.

In order to study the influence of thermotherapy on the scattering and absorption properties
simultaneously and also take into acaount the configurational changes in the distribution of
absorbers, due to the vascular damage, integrating sphere measurements were performed on
samples from liver tissue exposed to thermotherapy in vivo, as described in Paper 11. A
doubling of not only the reduced scattering coefficient but also the a@sorption coefficient
was found, the latter probably as a result of the vascular damage, or possbly due to hea-
induced injuries to the blood cdls, as previously discussed. Furthermore, by analysing the
spedra shape of both the reduced scatering coefficient and the g-facor, employing Mie
theory computations, the mean size of the average scaterer was estimated. This analysis
found there was a 21-32% deaease in average scatering radius of treaed as compared to
untreaed tisaue, which again confirms the formation of smaller aggregates, as observed by
microscopy.

Most studies of hea-induced changes in the opticd properties have so far been performed
on slowly heaed tisaue. This does not necessarily completely describe the changes arising
when employing pulsed, intense laser irradiation. Lin et al.>®® have shown that the danges
observed during pulsed heding of skin and aorta wntain both irreversible and reversible
components. The irreversible part was attributed to the same mechanisms observed during
slow heding, i.e. coagulation and dehydration. The existence of reversible phenomena was
suggested to be asociated with temperature dependent morphologicd changes in the tissue
during the treament, therma lensing (non-uniform heaing causes a gradient in the
refradive index), thermal expansion of the tissue resulting in increased tissue thickness and
water transport. The dynamic behaviour of the refledance and transmittance of a blood
sample during a short, intense laser pulse, typicdly used for treament of port wine stains,
was investigated in Paper 1ll. Two thresholds of exposures were observed for the
reflectance d 2.9 and 6.3 Jcm?, possbly dueto anincrease in the dfedive scatering due to
coagulation (first increase) and vaporisation and bubble formation (second increase). The
transmittance displayed an initial continuous deaease until the first threshold of the
refledance was readed. A smoaoth, continuous increase was then foll owed, until a sudden
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step-like increase occurred at the vaporisation exposure of 6.3 Jem?. The dhanges in the
transmittance before the vaporisation were shown to correspond closely with a temperature
dependent absorption coefficient, which increases with temperature uritd.100

All this implies the dynamic behaviour of the source term during the treament, which
influences the thermal distribution when pulsed heaing with short pulse lengths is used,
because of the significant changes in the opticd properties. It has aso been theoreticaly
confirmed by Rastegar and Motamedi,?®” employing a dynamic hea distribution model. A
linea increase in the reduced scatering and absorption coefficients with increasing
temperature resultsin a dealy more rapid temperature rise, particularly close to the surface
than if the optica properties were cnstant during the treament. However, Splinter et al 2%
have experimentally shown that the influence of the dynamic opticd properties on the
thermal distribution cannot even be negleded during continuous-wave irradiation, when
optical properties are supposed to have less influence on the heat distribution.
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9. Optical diagnostic tedhniques - tissue
optical aspeds

Opticd diagnostics offers a wide range of applicaions in non-intrusive monitoring of
fundamental information related to the physicd, chemicd and hiologicd processsin tisue
for medicd purposes. All physicd disorders can be awciated with biochemicd,
physiologicd and morphologicd dlterations in tissue. These canges can afed the
interadion proceses between light and tissue from noleallar to cdl layer level. The
corresponding modifications of the opticd signals form spedral fingerprints, which alows
tissue charaderisation in relation to malformations, malignancies, inflammatory readions,
hypoxia/hyperoxia, etc. to be made.

The deteded light has undergone anumber of interadions, including emisson from light
absorbing moleaules, inelastic and/or elastic scattering events, i.e. processes either inducing
a shift in the wavelength (fluorescence and inelastic scatering) of the incident light, or not
(elastic scattering). Depending on the underlying interadion mechanism, four main
caegories of diagnostic techniques can be identified. Laser-induced fluorescence (LIF) is
based on resonant light absorption foll owed by re-emisson of a photon with only a fradion
of the absorbed energy, the fluorescence photon. The shift in wavelength is referred to as
the Stokes sift. Raman spedroscopy and laser-Dopder flowmetry are based on inelastic
and quasi-elagtic scdtering, respedively, resulting in a wavelength shift. The spedrally
narrow Raman shift is obtained via an interadion processbetween the photon and moleaule,
primarily involving excitation to a virtual, non-resonant level (thoughred levels can also be
involved) followed by a rapid de-excitation, yielding a dight shift in the vibrational energy
of the moleaule. The laser-Dopgder shift originates from a quasi-elastic scatering process
between a photon and a moleaule in motion, e.g. in flowing blood cdls. This dynamic
scatering causes a transfer of the kinetic energy of the moleaule to the photon, dependent
on the velocity of the moleaule. Finaly, elastic scattering spedroscopy comprises in its
widest definition all types of refledance and transmittance techniques employing elasticdly
scatered light. The underlying photon-moleaule interadion is extremely rapid (in the order
of fs), and therefore too short for mutual energy transfer, only a change in the diredion and
possbly pdarisation of the photon would be posshle. The energy transfer, moleaule to
photon, associated with the gpropriate interadion mechanisms of a particular diagnostic
technique can be recgnised in some of the energy level diagrams $own in Figure 7.1 and
Figure 7.6. It is thus clea that these diagnostic methods are founded on the basic
medhanisms of tissue optics, as defined by the absorption and scatering parameters. An
esential part of tissue diagnostics is therefore its implicaions in relation to tisue opticd
properties. Three of the @ove mentioned dagnostic caegories will be discused in this
chapter. For information on the use of Raman spedroscopy as a diagnostic tod, reviews by
Mahadevan-Jansen and Richards-KoAlishould be referred to.

In al opticd diagnostic techniques, the spedral distribution is dependent on the
illumination and colledion geometries. Thisis as a result of the wavelength dependence of
the opticd properties and thus of the wavelength dependence of the anguar distribution of
the scattered light. An ided detedion geometry would be to colled the total distribution of
the scatered light. However, this is only possble utili sing an integrating sphere, which is
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impradicd in a dinicd setting. A flexible ill umination/detedion geometry based on optica
fibresisinsteal frequently employed. One should then be aware of the fad that the fradion
of the total refledance @lleded by the detedion fibre is dependent on the opticd properties
of the tissue and is thus wavelength dependent. This means that when evaluating a spedrum
by cdculating the ratio of two intensities at different wavelengths, the values utili sed donot
fully account for variations in the illumination and detedion geometries. These depends on
such small variations as for instance the distance between the illumination and detedion
fibres'® detedor fibre and tissie surface as well as general differences in the
illumination/detedion system used. The latter being exemplified by the two dfferent
probing geometriesill ustrated in Figure 9.1. The ill umination and detedion usingone single
opticd fibre in close mntad with the tissue surfacefavours colledion of photons of low
opticad penetration depth, and thus of shorter wavelengths. In contrast, separate surface
illumination followed by colledion with an opticd fibre in close cmntad with the tissue
surface @ables the lledion of photons with longer scatering history, since the mlledion
fibre shades the tisaue volume immediately beneah. From this it follows that the detedion
efficiency is greaer for those photons from greaer opticd penetration depths, having in
general longer wavelengths. However, the impad of the opticd properties on the
illumination and colledion efficiency can be taken into acount utilising a proper
cdibration routine®***? Furthermore, Mourant et al.”*° have demonstrated that a
sophisticated choice of fibre separation (ill umination versus detedion fibres) enables light
detection essentially independent of the scattering properties.

9.1 Laser-induced fluorescence

Laser-induced fluorescence (LIF) spedroscopy provides information on the tisaie content
of charaderistic fluorescing endogenous or exogenous chromophores. Knowledge of the
types of fluorophores and their individual distribution as well as concentration, can be used
succesdully for tisaue charaderisation. It can be thought of as a sensitive technique cgable
of colleding information from moleaular probing instruments, sensing small changes in the
tisse biochemicd environment. Examples of such endogenous probing moleaules, i.e.
endogenous

(a) Optical fibre (b)
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Figure 9.1 Schematic illustration o the impact of different illumination and @tedion
geometries on the recorded signd. lllumination and dtecion via an opical fibre, as
shown in (a), favours the mlledion d phaons with low optical penetration depth. Suface
illumination, as illustrated in (b), instead favours the wlledion d phaons with a long
scattering history.
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fluorophores, are the aomatic amnino add tryptophan, present mainly in the proteins in the
mitochondria, NADH (nicotin amide alenine dinucleotide) an important co-enzyme dso
adive in the mitochondria, collagen and €elastin in structural tissue. Other wedker
fluorophores are carotene, flavin adenine dinucleotide (FAD) and keratin.

9.1.1 Propagation of excitation and emission light

Let us first consider the influence of the tissue opticd properties on the excitation process
The fradion of the total absorption coefficient corresponding to the generation of laser-
induced fluorescence (LIF), Han(Ae) Where A is the excitation wavelength, is in general
not particularly significant compared to the total p,. However, there ae spedral regions in
which the fluorescence @sorption coefficient can be substantial. Laser-induced
fluorescence is mainly induced by excitation light with fairly short wavelengths, i.e. in the
ultraviolet or blue spedral region, yielding fluorescence visible to the naked eye. However,
since UV/blue light has a rather small penetration depth, this results in correspondingly
minimal probing depth. In consequence deteded fluorescence from the superficial tisaue
layers is relatively greder than that from lower lying tisaues. For instance, the penetration
depth of human aortic tissie & 360 nm was estimated to approximately 150 um,**3 a region
in which tissue in general isto alarge extent composed of an epithelial layer. This was also
exemplified in Paper VII, where fatty and fibrous heat tissuie could not be individualy
distinguished employing LIF, probably because the fatty heat tissue is covered by a thin
fibrous pericardium. Furthermore, it implies that the fluorescence signal is particularly
senditive to changes in the eoithelial layer, which can be profitable when searching for the
superficial malignancies frequently acaompanied by changes in epithelia thickness and
compasition,”** as was own for adenocarcinoma in Barrett's oesophagus in Paper VIII .
Tisaue with columnar epithelium tended to have lower auto-flourescence than that with
squamous epithelium. Furthermore, it is important to adknowledge that different tisues can
have differing probing depths because of their charaderistic opticad properties. Tissues of
high blood content absorb relatively more light, and therefore less is available for the
excitation process which induces fluorescence This results in an overall deaease in the
magnitude of the entire fluorescence spectrum.

Once the excitation light has readed the fluorophore and a succesful excitation occurs,
fluorescence light can be emitted. The probing depth is thus not only dependent on the
opticd properties of the excitation light but also on those of the emisson light. Monte Carlo
simulations have shown that 30-40% of the fluorescence photons is remitted in the forward
diredion, i.e. away from the tissie surface® This means that distal layers influence the
fluorescence signal, yielding a larger effedive probing depth than predicted by the
penetration depth of the excitation light. The fluorophores exhibit peg intensties in
fluorescence a various wavelengths depending on the moleaular energy level structure. For
instance, if an excitation wavelength of 337nm is used, then tryptophan and collagen
display their fluorescence pe&ks at approximately 390nm, elastin at 410nm, NADH at
470nm and carotene & 520nm. All pe&ks are broad with a FWHM in the order of 100nm,
since the excited fluorophore can return to any of the vibrational levels within the ground
state, during the emisson of fluorescence photons with a broad range of energies, as
illustrated in Figure 9.1. Auto-fluorescence spedra from tisaues, containing a mixture of
fluorophores, are esentially an integral of the individual fluorescence spedrum of these
fluorophores. The spedral charaderistics, required to distinguish different tisaies and also
those with malignant irregularities, are those given by the variations in fluorophore
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composition and concentration, as well as the chemicd environment. For example, the
various tisae layers in the skin display diff erent auto-fluorescence emisson charaderistics,
in relation to intensity and spedral shape, indicaing a non-homogeneous distribution of
different fluorophores in normal skin (excitation wavelength: 442nm).?** Atherosclerotic
arteries exhibit a red shift and broadening in pea fluorescence, compared to normal aortic
tisue @ an excitation wavelength of 308 nm, which was considered to be related to an
acamulation of oxidised lipoproteins.*® Moreover, fibrous, scarred myocardium show
incressed fluorescence emisson at wavelengths in the range 440-475nm, using 308 nm
excitation, compared to norma myocadium.?*’ Paper VII confirms this ability to
discriminate between normal myocardium and fibrous, or fatty heat tissue, using LIF with
an excitation wavelength of 337nm. As a final example, Paper VIII shows that the aito-
fluorescence pe&k at approximately 500 nm, using 405nm excitation, is sgnificantly lower
for adenocarcinoma in Barrett’'s oesophagus, compared to normal oesophaged mucosa.
This could be dtributed to a different structure axd pcssbly thicknessof the eithelium, as
previously discussed, but aterations in auto-fluorescence dso originates in changes in
fluorophore cmposition/concentration, as well as chemicd environment, as siown by the
examples presented. The latter can for instance be seen in tumour tissue, which in general
has a slightly lower pH than normal tissie. This could affed the NADH/NAD™ balance and
thus the fluorescence component originating from NABH.

9.1.2 Fluorescence from exogenous fluorophores

In order to enhance the demarcaion between normal and malignant tissue, a tumour
seledive drug is frequently administered consisting of the same photosensitisers as those
used for PDT, but either at a lower dose®® or in connedion with the treament sesson.?*
With an excitation of 405nm, probing at the maximum absorption coefficient, porphyrin-
based photosensiti sers fluoresce with a charaderistic double pea at 630 and 690nm for
Photofrin and 635and 705nm for ALA-induced PplX. Thus, the spedral shape of the aito-
fluorescence, originating from endogenous fluorophores, is combined with these distinct
pedks. The general ideais to base the demarcaion criterion not only on the changesin auto-
fluorescence, frequently observed as an overall deaease in tumour tissue, but also on an
incresse in fluorescence emisson originating from the porphyrins acamulated in the
malignancy. For instance, topicdly applied ALA, in conjunction with PDT, of basa cdl
carcinomas in the skin was found after six hours to fluorescence @ 635nm 2.4 times more
intensely in the lesion compared to the surrounding rormal skin, see Paper IX. However, we
must remind ourselves of the low probing depth of LIF using utraviolet/blue excitation
light. Hence this technique does not give aty information on the drug acamulation at
greder depths in the lesion. It is thus interesting to notice the trend, though apparently
insignificant, that lesions requiring retreament possessed on average ahigher fluorescence
intensity associated to the PplX than lesions requiring only one treament. This might
indicate ashallow drug penetration and thus a higher degree of superficial acamulation of
PplX. However, one should be caeful drawing such conclusions from measurements
performed on lesions with different opticd properties, as previoudy discussd.
Incorporation of the deaease in auto-fluorescence yields a demarcaion fador of the
mali gnant as compared to the hedthy tissue of between 7.4 and 9.5. The kinetics of the drug
acamulation can be followed utilising LIF, the maxima demarcation at the probe depth
was found to be 2-4 hours after applying the ALA onto the skin, seePaper X. However, the
drug does not always exhibit the desired tumour seledivity asindicaed in these studies. The
fluorescence signal, corresponding to the porphyrins following low-dose intravenous
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injedion of Photofrin, was found on average to be only 1.2 times higher in oesophaged
adenocarcinoma, as compared to that in normal oesophaged mucosa, see Paper VIII. The
demarcation between malignant and hedthy tissuie can thus be mainly attributed to a
sufficient difference in auto-fluorescence.

9.1.3 Evaluation methods

Fluorescence spedra ae traditionally evaluated by caculating ratios, for instance between
the intensities of the auto-fluorescence and photosensitiser peas, in order to substantiate
the dharaderistic spedral differences between various tissue types without interference of
for instance intensity variations of the excitation light. Paper VII shows that better
discrimination can be obtained for cardiovascular tisuue by including the etire spedral
information in the aalysis utilising powerful anaysis techniques such as Principal
Component Analysis (PCA).?** PCA extrads the main spedral feaures from a set of
measured spedrain terms of the principal component spedra. Each spedrum measured can
then be charaderised by its composition ("amount”) of the principal components. It,
however, alows at the most qualitative analysis of tisaue fluorophores but not quantitative
estimates, owing to the influence of the tissue opticad properties and baundary effeds,
unless combined with a rigorous cdibration routine. Durkin and Richards-Kortum® have
shown that full spedral analysis, in their case performed by the method o partia least
sguares, can in combination with a set of controls with known fluorophore @ncentrations
and opticd properties of the surrounding medium, yield quantitative information of the
fluorophore cncentration. This could be of particular importancein order to determine the
concentration of photosensitiser for PDT, an important dosage parameter for optimal
treatment.

When analysing fluorescence spedra, it is important to bea in mind that the fluorescence
light has been filtered through the tissue before being deteded. This means that the tissue
optica properties have left their fingerprint on the spedral shape of the fluorescence The
most pronounced spedral feaures originate from the main absorber in tissue, in the visible
range - the blood - with manifest absorption bands in its oxygenated state & 418 542 and
577nm, as can be seen in Figure 7.2 and Figure 7.5. These can often show up as dipsin the
fluorescence spedra, which must not be misinterpreted as fedures originating from the
fluorescence signals. Another phenomenon, asociated with the absorption coefficient, isthe
self-absorption. This originates from the overlapping of the emisson and absorption spedra
of the fluorophores, yielding a more dficient absorption of the fluorescence light at shorter
wavelengths and thus a red-shift of the measured compared to the intrinsic fluorescence
spedrum. The wavelength dependent scattering properties affed the spedral shape of the
fluorescence & well, since they determine the average photon path length and thus the
degree of absorption. The fluorescence light with longer wavelengths is less efficiently
scatered than that at shorter wavelengths acording to the general behaviour of the reduced
scatering coefficient, as discussed in Chapter 7.2 and shown in Paper 1l. This means that
fluorescence light at longer wavelengths experiences a dlightly shorter path than
fluorescence light with shorter wavelengths and is consequently less effedively absorbed.
Hence, fluorescence light at shorter wavelengths are more dficiently absorbed, again
causing a red-shift. This has experimentally been verified by Aletald®*?
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Several methods have been presented which are caable of distingushing the intrinsic
fluorescence light from the total detedable. In addition to the previously described method
based on a mntrol set of reference fluorescence spedra derived by Durkin and Richards-
Kortum,** an analytica relationship between the intrinsic and measured fluorescence has
been developed utili sing information from a diffuse refledance spedrum. However, only
relative information on tissie-fluorophore @mposition can be deduced from this.??
Absolute values can however be obtained by employing a technique developed by Gardner
et al.,>** based on the knowledge of not only the diffuse refledance but also the dfedive
light penetration depth (i.e. a simple aerage measure of the opticd properties).
Furthermore, there is a method besed on a transfer function, derived from Kubelka-Munk
theory, which can also be used to derive ésolute cncentrations of the fluorophores.
Experimentally, a dual-wavelength excitation and detedion method has been shown to
successully determine hematoparphyrin derivative mncentrations in a tissue phantom using
a dimensionless ratio, which is independent of the optica properties.??® This concept has
been shown to be useful when evaluating fluorescence spedra obtained from pigmented
lesions in the skin following topicd applicaion of ALA.?? Thisis because the variations in
fluorescence deteded are independent of the tissue opticd properties - here pigmentation
variations - and thus can be atirely related to the drug. It has aso been confirmed
experimentally that the diffuse refledance spedrum can be used as a first order
approximation to compensate for the interference of the fluorescence spedrum due to
absorption and scatterifyy,as predicted theoreticalf§®

9.2 Elastic scattering spectroscopy

Elastic scatering spedroscopy diredly probes all tissie diromophores and scéterers,
providing information on the composition and biochemistry of the tisaue matrix. Thus, the
impad of the tissue optica properties on the registered signal, which in LIF-spedroscopy
often is considered to degenerate the desired information from the fluorophore, corresponds
here to the primary carier of information. The fradion of the incident light, which passes
elagticdly through the tisaue, can be used to charaderise tisaie morphology from the
scatering hHstory of the monitored photons. From the photons "lost” to ather inelastic
interaction processes, information regarding tissue chromophores can be gained.

The spedroscopic diagnostic techniques using elasticdly scatered light are essentialy
those described in Chapter 6.2, since éastic scattering spedroscopy is basicdly equivalent
to the determination of tisaue opticd properties, although rot necessarily quantitatively. All
types of refledance and transmittance measurements are amployed, either determining the
total amount present, or monitoring the resolved signal with resped to spaceor time. By
appropriately choosing the wavelength of the probing light in relation to the general
wavelength dependence of the opticd properties, not only can the probe depth be varied,
but the microscopic tisale variables can also be seledively charaderised, as discussd in
Chapter 7. Visible light is highly scatered and consequently mainly contains information on
tisaue structure and cdl morphology, such as on shape and size of extracdlular structural
tissie components, cdls and their organelles. This gedral range is thus applied in flow
cytometry, where the light scatering from individua cdls is analysed, providing
information on cel volume, shape, refradive index, etc.*”***’ It has been shown from
analysis of the charaderistics of the diffuse badk-scdtered linealy pdarised light in the
visible range, that information on the ncentration and size of particles in a scatering
tisaue phantom can be obtained.’® The average size of the scaterer in a tissue phantom™ or
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tisaue can also be derived from the slope of the g-fador, or reduced scatering coefficient,
plotted as a function of the wavelength in the visible region, as $iown in Paper Il. The
scatering properties have aparticularly strong influence on the refledance, which indicates
that tissue charaderisation, with resped to size of the tissue component, can be performed
using elastic scatering spedroscopy based on the spedral shape of diffusely refleced
visible light. This has experimentally been shown by Mourant et al.,?*® who were ale to
distingush malignant from normal tissue in the bladder wall, with an diagnostic dgorithm
based on the slope of refleded light colleded by an opticd fibre. The change in slope was
considered to be related to an increase in the nucleus/cytoplasm ratio for malignant cdls,
which is expeaed to affed the scatering properties of tisaue. Since other studies of the
opticad properties of malignant, or treaed versus hedthy and untreaed tissues, display
differences in both scatering coefficients and also their spedral shape in the visible
range 207/ 119154156203204 5 \vide gplicability of this opticd biopsy technique can be
anticipated. The visible spedra region contains a few charaderistic broad absorption
bands, due to the dedronic transitions in haeme-containing biomoleaules. These spedral
feaures can also be used for tissue charaderisation utili sing the differencein tissue mntent
and distribution of biomoleaules such as haamoglobin, myoglobin and cytochromes. For
instance, assessment of the thicknessof vessals, comprising vascular malformations sich as
port wine stains, as well as their depth, can be obtained from visual reflectance spedra.?®
These ae important parameters necessary to design the optimal treagment conditions and
also evaluate the treatment respafisé>’

The near infrared wavelength region 700-1300nm, identified as the "tisaue opticd
window” comprising minimal absorption and scatering coefficients in tisaue, is employed
for a wide range of applications associated with a requirement of deg probing.
Measurements of the oxygenation content in blood can be obtained using refleded light at
two appropriately seleded wavelengths, to maximise differences in absorption spedra for
oxy- and deoxyhaemoglobin. These occur at for instance 665 and 955nm* and at 660 and
813nm,?? which can be used to determine the relative oxygenation. Transmisson
measurements have dso been performed, in order to monitor cerebral and myocadial
oxygen sufficiency.?®3%* Absolute values of the @sorption coefficient and thus the
concentrations of haemoglobin (Hb) and axyhaemoglobin (HbO,) are not so easy to
determine using the refledancetransmittance measurements, since the dfedive pathlength
of the recorded light within the tissue is unknown due to multiple scatering. In general
measurements are thus primarily used to oktain relative values. Matcher and Cooper®*® have
demonstrated an alternative gproach in order to determine asolute wncentrations of
Hb/HbO,. The trick is to estimate the dfedive pathlength of the probe light by correlating
the absorption bands of water with its known concentration in tissue and use this to derive
the absorption coefficient and consequently the @ncentrations of Hb/HbO,. Furthermore,
time-resolved transmisson measurements in the short-wave NIR-range can be conducted in
order to deted inclusions, such as tumours, deeply locaed within the tissue, such as breast
tissué®?**#in the development of optical mammography.

The absorption coefficients of nea infrared light at longer wavelengths (1-2.5 um) are in
general dightly higher due to the water absorption. However, distinct but weak absorption
bands, originating from combinations and overtones of O-H, C-H and N-H stretching bands
can aso be found. They have for a long time been regarded as of no value for tissue
identification,*® due to their weak charader and a cetain overlap between some of the
bands. With improved analyticd techniques based on the whole spedral data, this
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wavelength range has now been adknowledged as having significant potential for tisue
charaderisation. For instance, the dcharaderistic spedral fedures have been shown to
provide both quantitative and qualitative information on lipid and protein content in tissue
samples.?%2° Moreover, Paper VIl has sown that NIR light in the range 1-2.5 um can be
utili sed to charaderise cadiovascular tissue in terms of norma myocardium, aorta, fatty
and fibrous heat tisse, provided a powerful analyticd method o principal components®*
(PCA) is available. The wavelength segment between 2.0 and 23 um appeas to be
particularly feasible, partly becaise it contains interesting spedral feaures, but also due to a
locd minimum in water absorption, as discussed in Chapter 7.1. These charaderistics result
in a greater probe depth, as well as an improved signal-to-noise ratio.

Finally, mid-infrared light exhibits distinct vibration absorption bands, which can be used
reaily for quantitative analysis of biochemicd compasition of tissue samples, for instance
in conjunction with analysis of coloredal cancer tisae?** atherosclerotic ateries®* and
myocardial tisaue following infarction.?** However, as previously mentioned, due to strong
water absorption and consequent insignificant probe depth, this gedral region is less
feasible in a clinical setting.

9.3 Laser-Doppler flowmetry

The two previoudly discussed diagnostic techniques assess disorders apparent in the tisaue
meatrix, i.e. malignancies, scar formation, atherosclerotic plaque, hypoxialhyperoxia, etc.,
corresponding to structural changes in biomoleaules. However, laser-Dopger flowmetry is
used to probe dterations in the peripheral blood flow, corresponding to a secondary
response to physiologica changes under normal as well as pathologicd conditions. Various
stimuli such as inflammatory readions, temperature canges, eledricd skin stimuli,
etc.19%2442% offed the microcirculation, as do common diseases such as diabetes and
arteriosclerosis. Since the microcirculation exhibits locd spatial variations, an imaging
technique is required to evaluate amore representative average portion of the perfusion in
the dfeded tisaue than is possble using the limited spada information provided by the
fibre optical probe. Such a technique is Laser Doppler Imaging @Dl).

The general principle of laser-Dopper imaging is to scan a laser beam over the tisae
surface The wavelength of the probing light is usually around 633nm, at which the blood
absorption is relatively low, in order to minimise the number of photons "lost” in the
interadion events with the blood cdls. This results in a sampling depth estimated to
approximately 200-240pm in skin, depending on the blood content.?®24%24” However, by
shifting the wavelength of the probing light to the NIR spedral range, a probing depth in the
order of 1-10 mm can be adieved,*®*® depending on the source/detedion geometry. Thus,
the adual sampling depth is dependent on the tissue opticd properties. It is therefore
questionable whether the blood perfusion results obtained from lesions of different
thicknesses or opticd properties can be interrelated. This is exemplified for basal cdl
carcinomas in Paper XI, showing that nodular lesions display lower perfusion than those
which are superficial. The thicker and more dense tisaie matrix in a nodular lesion probably
prevents the light from reading the same microvascular depth as that probed for a
superficial lesion.
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When light interads with a moving blood cdl via quasi-elastic scattering, a fradion of the
kinetic energy is transferred to the scattered photons resulting in a Dopper-shift. This sift
is extremely small, in the order of 10™ times the frequency of the incident beam.?*® It is,
however, maaoscopicdly discernible & a fluctuating spedkle pattern, originating from the
combination of the light scatered by the static tissue matrix with the Dopper-broadened
light from the moving blood The spedkle pattern is imaged on a detecor as a fluctuating
signal with intensity modulation at the Doppler frequency:

1
Eq.9.1 Af=— (kek) M,
q 2n( )

where k; and ks are the wave vedors of the incident and scatered light, and v is the velocity
vedor of the moving blood cdl. Since the blood cdls flows in various diredions and the
incidence/scatering angles of the photons vary, the modulation frequency (i.e. the Dopper
shift) has a cetain distribution. From this frequency distribution the velocity distribution of
the moving blood cels can be deduced.?*® Moreover, the magnitude of the fluctuations
corresponds to the concentration of blood cdls. The perfusion is then simply a product of
the average velocity, obtained from the velocity distribution, and the concentration of blood
cells in the illuminated sampling volume.

Kienle et al.*® have shown that a laser Dopper spedrum depends on the opticd scatering
properties of the flowing medium. From a dinicd point of view, this is of lessimportance,
since relatively small differences in the scétering properties of blood is expeded in vivo.
However, the opticd properties of the surrounding tissue matrix are not invariant. They
affea not only the sampling depth and volume, as previously mentioned, but also dredly
the distribution of Dopper shifts in the cae where the light is highly direded. The reason
for this is that the shift is dependent on the diredion of the incident light. Tissue is in
genera arather strongly scatering medium in the visible wavelength range. This means that
isotropic probing light is generated at reasonably short distances from the surface Thus, the
dired influence of the opticad properties on the Dopper shift is probably negligible for
source/detedion geometries favouring the wlledion of photons with longer scatering
histories in the tisaie matrix. This was verified for a large (in the order of centimetres)
source versus detedtion fibre separation® (g-fadorsin the range 0.5-0.9 at pg =1.0 mm™* and
1,=0.001 mm™) by Monte Carlo simulations. However, an influence of the g-factor on the
Dopder spedrum has been observed at a smaller fibre separation (in the order of
milli metres), in conjunction with Monte Carlo computations for opticd properties close to
those of the skin (g=0.875, ps=11-25 mm* and ,;=0.01-0.015mm*").?® An extended study
is recommended, in order to conclude within what range of the opticd properties and for
which source/detection geometries this effect has to be considered.

Laser Dopder measurements utili sing an imaging approach involves a scanning procedure
over the tissue surfacebeing imaged, typicdly the aeain the order of 5x5 cm. The blood
perfusion is deduced from step measurements during the scanning, and stored as a pixel
value in a laser-Doppder image. This results in a spatia resolution in the order of
milli metres, partly due to the strong scatering by tisaue. A high-resolution laser-Dopper
perfusion imager has been designed, yielding a spatial resolution corresponding to the
diameter of the probe beam used, i.e. in the order of 0.1 mn?*°. Substantially higher spatial
resolution (2-10 um) can be obtained by combining Dopper velocimetry with the optica
coherence tomography (OTC) approach.”>® The latter method is founded on the technique of
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low-coherence refledometry, as briefly described in Chapter 6.2.4. OTC provides
tomographic images of the tissue with a high resolution. When combined with the laser
Dopder technique, high resolution laser Dopper images can be obtained. This optica
Dopder tomography technique has been demonstrated in vivo on blood flow in small
vesEls embedded in highly scattering tissue (skin) some 200um below the surface OTC
would for instance be a powerful tod for further studies on microvascular injuries, in
conjunction with PDT following topicdly applied ALA. This could be caried out to
confirm the results obtained with conventional low resolution LDI described in Paper XI
and to provide abetter insight into what occurs at the microscopic level. LDI has been
utili sed to estimate the tissue perfusion in conjunction with cryo therapy, as well as with
ALA-PDT on basa cdl cacinomas in the skin, as discussed in Paper XI. This gudy
showed that LDI is a promising technique for assessment of the heding, since the perfusion
in the residual/reaurrent tumours do not recover to normal perfusion values, as do lesions
requiring only one treatment session.
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10. Summary of papers

Paper | to Paper IV report on changes in opticd properties in the visible spedral range,
arising in conjunction with laser-based treaments, using various integrating sphere set-ups.
These exemplify the dose relationship between opticd properties and physiologicd, as well
as morphologicd aterations in tisaie. A single integrating sphere set-up, employing a Xe-
lamp as the light source in combination with a monochromator, was utili sed in Paper I. In
this gudy the esorption coefficient of rat liver and muscle tisauie was found to increase by
30-70% and 50-100%, respedively, after PDT performed in vivo. This could probably be
due to damage to the microvasculatur as a result of the treament. In Paper II, the single
integrating sphere set-up was rebuilt with a spedrometer combined with a CCD-camera &
the detedor, thus enabling the aquisition of total spedra of opticd properties. Changes in
the opticd properties of rat liver tisaue, treaed by thermotherapy employing a mntinuous
wave Nd:YAG laser, were determined. An increase of 200% in not only the asorption, but
aso the dfedive scatering coefficient was found, indicaing vascular as well as tisae
matrix (coagulation) injuries The etire spedral information on the reduced scétering
coefficient, as well as on the g-fador was used to estimate aMie equivalent average radius,
corresponding to the average size of the scatering centres in the tisaue. This was down to
be 20-30% lower in the tisaue treaed by thermotherapy compared to the untreded tisaue.
Finally, a double integrating sphere set-up was utili sed in order to follow dynamic changes
in the opticd properties of blood In Paper 1V, the blood was dowly heaed, causing a
continuous increase in the @sorption coefficient with temperature. An incresse in
temperature from 25 to 50°C induced an 80% increase in Y, a 633nm, which was
suggested to be related to formation of degradation products, following haemoglobin
denaturation, and/or haemolysis. Furthermore, a small but abrupt deaease in the g-fador,
coinciding with a arresponding increase in the scatering coefficient, was observed when
the disc shaped bood cdls becane sphericd at a heding temperature of 45-46°C. The
temperature dependent increase in the asorption coefficient was confirmed using pulsed
hedingin Paper 1l . An increase in the dsorption coefficient of 250% was estimated, when
the blood was heaed from 20 to 100C using a 0.5ms laser pulse & 586nm. The
refledance and transmittance signals measured during the pulse, reveded dstinct changes
dependent on the acemulated radiant exposure rather than the exposure time. A distinct
increase in the refledance was displayed after an acamulated exposure of 2.9 Jem?, which
was acompanied by the development of coagulates in the blood Moreover, a “poppng’
sound, indicating on vaporisation of the heaed blood was head when bath the refledance
and tra:%smittance were found to significantly increase dter an acaumulated exposure of
6.3J/cnf.

In Paper V, T-matrix computations, with extended predsion variables, were employed in
order to estimate the influence of shape transformations of red bood cdls, modelled as
volume eguivalent spheroids, on the anguar distribution of the scatered light. Sphering as
well as elongation of a spheroid, when maintaining the particle volume, cause adeaease in
the g-fador. For the sphering, this deaease in the g-fador is in agreement with the
experimental results presented in Paper 1V. Moreover, nea field computations reved that
opticd measurements have to be performed on highly diluted blood to vaidate the
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asuumption of independent scatering. However, this also means that results from such
measurements cannot be simply extrapolated to whole blood.

The potential of a fairly unexplored spedral region, from the viewpoint of clinicd
diagnostics, is for the cadiovascular tisaue investigated in Paper VIl . This gudy indicaes
a better spedficity can be obtained with nea infrared diff use refledion spedroscopy, in the
spedra range 0.8-2.3 um, as compared to laser-induced fluorescence The wavelength
region 2.0-2.3 um was sown to comprise of particularly useful information for tisaue
charaderisation. This is partly due to a locd minimum in the water absorption, alowing
digtinct absorption dips to be evaluated. The cagadty and usefulness of Principal
component analysis were demonstrated for both NIR- and LIF-spedroscopy. Spedral
analysis utili sing the entire spedral information appeasto be apowerful analysis technique,
as compared to analysis at single wavelengths.

Paper VI considers the influence of the opticd properties of tissie on LIF-measurements.
Three @mputational methods were developed, al based on the time-resolved Monte Carlo
approach for light transport in tisaue. One program, considered as the standard, treas ead
fluorescence phenomenon simply as a change in the opticad properties. The other two
programs sparate the fluorescencein its two processs. The transport of the excitation light
is smulated separately, from that of the emitted light, and the total was ohtained via
convolution. The results from al three programs were in good agreement, except for a
normalisation facor, but the two condensed simulation programs produced the results
significantly faster than the standard approach.

The dinicd results obtained within the scope of this work are reported in Paper VIl to
Paper XI. Paper VIII isentirely devoted to diagnostics using laser-induce fluorescence and
intravenously injeaed low-daose Photofrin. The good dscrimination obtained for severe
dysplasa and adenocarcinoma in Barrett's oesophagus, could mainly be related to
dterations in the auto-fluorescence rather than a seledive uptake of the photosensitising
drug. Paper IX to Paper Xl report results from an ongoing clinicd study, which is
evaluating the treament of basal cdl carcinomas in the skin. It comprises a comparison
between topicdly applied ALA combined with PDT on one hand and cryo therapy on the
other. The papers discussthe potential of and results obtained from the opticd diagnostics
techniques, LIF and LDI, rather than any clinicd evaluation of the outcome of the
treament, since the last of the one-yea follow-up visits will not take place urtil the
beginning of 1998 The LIF studies reved that a 2.4 times higher PpIX fluorescence is on
the average obtained in the lesion compared to the normal surrounding skin after six hours
and that optimal demarcation at the probe depth is obtained 2-4 hours after the gplicaion
of the ALA creme. No correlation between the fluorescence measurements performed
immediately before the treament and the treament response was found. LDI seensto be a
powerful tod to monitor and assess the outcome of the treament during foll ow-up visits,
sincethe devated bloodflow deaeases to normal values after complete heding, in contrast
to the residual/reaurrent lesions. The submisson of these papers is planned to occur when
the clinical evaluation is completed.
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