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1. Abstract

In this work a number of theoretical models, describing light propagation in matter, have
been applied to and developed for the examination of tissue. The aim was to model the light
scattering and absorption in tissue in order to improve the understanding of underlying
mechanisms of laser-based diagnostics and treatment modaliti es utili sed for cancer and
cardiovascular diseases. The models studied ranged from the simplest Beer-Lambert law,
assuming a plain exponential behaviour of the light transport, to solutions of Maxwell 's
fundamental equations for the scattering of electromagnetic waves. The latter approach was
specifically used for computations of light scattering by red blood cell volume-equivalent
spheroids by applying the numerical T-matrix formalism. Furthermore, the adding-doubling
method, based on the radiative transport equation for multiple scattering, as well as the
stochastic Monte Carlo approach, describing the light transport as a random walk process of
photons, were employed to model li ght propagation in dense tissue. The advantages and
disadvantages of each model are discussed by exempli fying which applications they are
useful for and valid in.

Light scattering and absorption in tissue were also studied in practice. The absorption and
scattering characteristics governing the macroscopic light propagation were determined in
vitro in terms of the absorption and scattering coeff icients as well as the g-factor, employing
different integrating-sphere techniques. Changes in these fundamental optical properties
were monitored for tissue being exposed to laser-based treatment modaliti es, such as
photodynamic therapy (PDT) and continuous or pulsed thermotherapy. The observed
influence on the scattering properties and the manifest increase in the absorption coeff icient
could be related to mainly morphological and biochemical changes in the blood and/or
microvascular damage in the tissue. The latter was further confirmed by an imaging
technique showing changes in laser-Doppler signals from moving red blood cells in
conjunction with PDT, indicating a local increase in tissue perfusion.

Differences in tissue characteristics were monitored in vivo, in order to distinguish diseased
from healthy tissue alone, or in combination with photosensitive agents, employing laser-
induced fluorescence (LIF) or near infrared (NIR) spectroscopy. Malignancies in the skin
and in the oesophagus could be identified utili sing the tumour selective agents ALA and
Photofrin respectively, in conjunction with LIF. It was also shown to be possible to
spectroscopically distinguish fibrous and fatty heart tissue from healthy myocardium in vitro
using either LIF or NIR spectroscopy, if combined with a powerful analysis method such as
Principal Component Analysis (PCA).
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3. Introduction

Most of us have personal associations with cancer and cardiovascular diseases. This is not
so surprising considering the alarming numbers presented in WHO’s World Health Report
1997, stating that 33% and 12% of all deaths world wide are caused by circulatory diseases
and cancers, respectively. Beside infectious and parasitic diseases, they represent the two
most common causes of death. While other fatal disorders have been gradually eliminated,
the risk of developing these two diseases is steadily growing. Thus, there exists an urgent
need for new, efficient treatment modalities and diagnostic techniques.

The laser, clinically available since the 1960's,1 was almost immediately shown to have
properties useful for medical applications. It yields monochromatic, non-ionising light,
which can target and be absorbed by specific biomolecules, leaving other molecules more or
less unaffected. This results in selective, specific and comparatively harmless interactions
between the light and medium, of importance from a clinical point of view. Laser light can
also easily be focused into spots of different sizes, thus providing variable probing areas,
resulting in radiation doses which can be made extremely intense. The latter possibly very
high when required. This in combination with the flexibilit y and the minimally invasive
character provided by the use of optical fibres, resulted in lasers soon being recognised as a
potential option both for therapy and diagnostics of cardiovascular diseases and tumours.

In the case of therapy, clear and preferably selective photobiological effects should be
induced by the laser light. This is achieved by the transformation of light energy into either
chemical, thermal or mechanical energy via resonant light absorption,2 causing direct and
delayed selective cell death. Photochemical processes often require long exposure times (in
the order of 1000 s) and low power densities (typically 0.1 W/cm2). Thermal effects are
eff iciently induced at long to intermediate exposure times (>0.001 s) and intermediate
power densities (100-106 W/cm2) and photomechanical effects will be induced by short

pulses (10-6-10-9 s) in combination with high power densities (109-1012 W/cm2).
Photodynamic therapy (PDT), thermotherapy and tissue ablation are treatment modaliti es,
each involving one of these three interaction processes described.

The light-tissue interactions in the diagnostics approach must in contrast be non-destructive,
meaning a resonant light absorption that is below the threshold required to induce chemical
and thermal reactions. The key words for tissue diagnostics are instead light scattering and
re-emission. By analysing the features of the scattered and re-emitted light in terms of
wavelength, temporal and spatial/angular distributions, indirect information can be gained
from multiple scattering tissues, such as: the quantity of essential and characteristic tissue
biomolelcules, average cell size and on the presence of domains embedded in the tissue with
divergent optical properties. There exists a variety of potential methods,3 either based on
resonant light absorption followed by re-emission, such as laser-induced fluorescence (LIF),
non-resonant inelastic scattering in conjunction with Raman spectroscopy, or on elastic
scattering, such as flow cytometry, diffuse reflection spectroscopy, absorption spectroscopy
and time resolved transmittance or reflectance spectroscopy.



10

By choosing appropriate parameters such as those of light intensity, irradiation geometry,
wavelength, exposure time and exposure mode (pulsed or continuous), the desired light-
tissue interaction can be determined for optimal treatment, or diagnostic conditions. The
choice of these physical irradiation parameters of the treatment or probe light, is indirectly a
way of designing the resulting light scattering and absorption in the tissue, in order to
generate not only suitable interactions between the light and tissue but also appropriate
penetration depths. This requires rigorous knowledge of the absorption and scattering
properties of tissue, or in other words of fundamental tissue optics - the central issue of this
work.

Tissue optics deals primarily with two problems, which we can refer to as the direct and
indirect problems emerging in connection with laser-based treatments (direct) and
diagnostics (indirect), respectively. The direct problem concerns the estimation of the
energy density [J m-3] of the impinging light reaching a certain position within the tissue, for
example a malignant area embedded in healthy tissue, when the optical absorption and
scattering properties are known. This can be solved by measuring the optical properties of
the tissue, including those of the malignancy, and computing the resulting light flux both in-
and outside the tissue, employing one of the many numerical methods available for
computations of light propagation in tissue. The determination of the optical properties of
tissue is thus a central part of tissue optics.

In the indirect problem the unknowns are instead the optical parameters, to be determined
from the measured distribution of reflected and/or transmitted light. This often involves
extensive computations based on the same numerical methods as those in the direct
problem, though iteratively repeated. From the deduced optical properties important
information can be gained concerning morphological and physiological parameters of the
tissue, related to its health. Investigating the relationship between the optical properties and
the microscopical properties of the tissue is therefore an essential and growing area within
tissue optics.

This work comprises studies of the absorption and scattering properties of tissue, with
emphasis on one of the main absorbers in tissue - the optically very characteristic blood,
which is more or less present in all ti ssue. These studies were partly performed from a
theoretical 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 clinical applications as
discussed in Chapters 8 and 9. The experimental part, described in Chapter 6, included
measurements of the optical 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 7.
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4. L ight propagation in tissue - theory and
models

4.1 Introductory overview

The duality of light - waves/particles - is also apparent within tissue optics. The aspect of
which depends on the phenomenon being studied. If we are investigating the light passing
through a dense and thick tissue, as for instance in conjunction with trans-ill umination of
breast tissue, most of the properties associated with the wave characteristics are lost. A
model treating the light propagation as a stream of energy quanta, disregarding the typical
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 apparent due to the regular structure. However, when light
is passing through a tissue with a certain more regular structure, for instance muscle tissue
with its elongated cells, or flowing blood as disc shaped cells, a characteristic asymmetry
can often be found in the angular distribution of the scattered light. Due to the collective
alignment, the asymmetric characteristics of the scattering from the individual cells 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, each with
a localised quantum of energy. The statistical average transport of photons and their energy
through turbid medium, such as tissue, can mathematically be expressed by the radiative
transport (RT) equation.4 It is heuristically derived by considering the energy balance of
incoming, outgoing, absorbed and emitted photons of an infinitesimal volume element in the
medium, in the very same way as the Boltzmann particle transport equation is derived for
heat in a heat conducting medium, and neutrons in a reactor element, etc..5 The RT equation
is valid in an isotropic and quasi-homogeneous medium, meaning that the optical
inhomogeneities are small and uniformly distributed throughout the material. Thus, the
tissue is assumed to be a homogeneous matrix containing randomly distributed absorption
and scattering centres, simply represented by three parameters: the absorption and scattering
coeff icients, µa and µs, as well as the scattering anisotropy factor, g. This is schematically
depicted in Figure 4.1a. Each local scattering and absorption centre can be thought of as
corresponding to a statistical average of several scattering and absorption events,
respectively, due to the cell membranes, organelles, and chromophore molecules. Typical
wave
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ε(r , t)(b) (c)

Scattering object

µsµa g

Absorption centre

Scattering centre

(a)

Dielectric fluctuations

Figure 4.1 Schematic picture of (a) the radiative transport theory and (b), (c) the
electromagnetic theory. The former treats the tissue as it would if it contained randomly
distributed scattering and absorption centres, while the later regards tissue as either an
ensemble of single scattering particles (b) or as a medium with random dielectric
fluctuations (c).

properties, such as polarisation, diff raction and interference, are here neglected. The
approach used in transport theory is to add powers rather than fields.

Since there are no analytical solutions available to the transport equation, approximations
and/or numerical techniques must be developed and utili sed. There exist a wide variety of
approximative methods, appropriate for various applications and valid for different optical
properties of the modelled tissue. Common for all i s that the distribution of the photon
energy is expressed by radiometric quantities, i.e. passively detectable and measurable
parameters. This indicates the practical foundation of radiative transport theory and its close
relation to applications and measurements. Computations of light distributions within tissue
and tissue phantoms, based on the transport equation, have proven to correspond closely
with measured values.6-8 Numerical methods for light propagation, derived from the
radiative transport theory, are therefore the most widely employed within tissue optics.
However, since the individual scattering and absorption events are collectively represented
by scattering and absorption centres, these methods result in a loss of detailed information
on fundamental microscopic tissue parameters, concerning tissue physiology and
morphology. This indicates that the radiative transport theory is not complete enough to
describe light transport in highly structured tissue, such as muscle tissue with its extended
muscle fibres, or aligned, flowing disc-shaped blood cells. When morphological parameters
such as cell size, shape and alignment are of interest, it is necessary to use more rigorous
models.

Alternatively, we can adopt the classical approach and imagine light propagation as a
continuous transfer of energy by electromagnetic waves. This is rigorously treated by
Maxwell 's equations, which are part of the fundamental laws of physics. The light
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propagation is mathematically represented by vector waves, being scattered and absorbed in
the medium. In tissue optics, two types of media are of particular interest, i.e. one consisting
of discrete scattering particles and one of a random continuum, as depicted in Figure 4.1b
and c. Light propagation in a suspension of well -separated independently scattering
particles (Figure 4.1b) is comparatively easy to describe mathematically, since only light
from one single particle has to be considered. The approximate light distribution of a
collection of particles is then obtained by adding the individual fields. This approach is
frequently used to theoretically study light scattering by diluted blood9 and tissue phantoms
containing sili ca, or latex spheres and lipid vesicles.10-16 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" factor from the surrounding
waves originating from all other particles.4 This leads to a complicated formalism without
any solutions to the important case of multiple scattering by tissue.

A more realistic model for dense tissue in general, is by representing the physical
microstructure, e.g. the chromophores, intra- and extra- cellular plasma, cell membranes and
organelles, by random dielectric fluctuations given by a dielectric function, ε(r , t),4 as
schematically depicted in Figure 4.1c. This function must be for all positions r  and times t,
in order to be able to deduce the internal and external electromagnetic fields. Considering
the complex and disordered microscopic structure of tissue, the task to determine ε(r , t) as a
true and complete representation of the tissue appears immense. Consequently, there have
been no attempts to do so within the tissue optics field, though it has proven to be possible
for simpler media within other disciplines, e.g. atmospheric and ocean optics.4 Thus, this
procedure is not yet applicable to multiple scattering tissue. In practice, it presently leaves
us with the discrete single-scatterer model, within electromagnetic theory, as the only
reasonably appropriate approach.

In this chapter, theoretical models important for applications within tissue optics, either
founded on the frequently employed radiative transport theory or the fundamental
electromagnetic theory, are summarised. To extensively study the mathematical
formulations behind light propagation in tissue might at first seem exaggerated and distant
from our aim to be able to better diagnose and treat diseased tissue utili sing laser light.
However, such an approach often produces important and potentially critical insights into to
what applications 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 interaction processes in transport
theory: the absorption coeff icient µa [mm-1], the scattering coeff icient µs [mm-1] and the g-
factor. The two first mentioned coeff icients reveal their meaning by their names; the
absorption coeff icient is the probabilit y of absorption per unit path length of a travelli ng
photon and the scattering coeff icient is defined correspondingly for the scattering process.
The optical properties vary significantly with wavelength and tissue type. Typical values for
tissue, with the highly absorbing blood as one of the exceptions, are in the order of 0.2 mm-1

for the absorption coeff icient and 25 mm-1 for the scattering coeff icient in the visible
spectral range.17 This means that a photon has a path length of on average 5 mm in the
tissue before it is absorbed and a range of approximately 0.04 mm between two scattering
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events. Adding these two interaction coeff icients yields the so-called total attenuation
coeff icient, µt, which accounts for the probabilit y of all li ght-tissue interactions per unit path
length of a propagating photon. The g-factor, also named the anisotropy or asymmetry
factor, is defined as the average cosine of the deflection angle θ at a “single scattering
event” (see Figure 4.2), in terms of the transport theory and is then simply a measure of the
angular distribution of the scattered light. A g-factor close to zero reflects that the scattering
is isotropic, while a value close to unity indicates a sharply scattering peak in the forward
direction. Tissue has in general a forward directed scattering18-20 and typical values of the g-
factor are thus in the range 0.8-0.95.17 An expression for the effective scattering should
include both the scattering coeff icient and the asymmetry factor. It is often quantified by the
reduced or effective scattering coefficient:

Eq. 4.1 µs'=µs(1-g).

More substantial information on the angular distribution of the scattered light is provided by
the phase function p(s, s')=p(cosθ), where s and s'  are unit vectors in the directions of
incident and scattered light respectively, as shown in Figure 4.2. The phase function is a
probabilit y density function, which defines the probabilit y of a photon being scattered
between the deflection angles θ and θ+∆θ, divided by ∆θ, for each radiative transport
scattering event. We have here assumed that the scattering of a photon is only dependent on
the zenith deflection angle θ [0, π] between the two vectors s and s' . The scattering about
the incident direction versus the other spherical angle, i.e. the azimuthal angle φ shown in
Figure 4.2, is considered to be symmetric and uniformly distributed between 0 and 2π. This
corresponds to the assumption of the tissue being an isotropic medium, i.e. without any
major tissue regions with more organised structures. The phase function is usually
determined empirically. The most frequently used function for tissue is the

φ
θs

s'

Figure 4.2 Geometrical definitions at an interaction site used in the development of
transport theory. The unit vectors, s and s’ , represent the directions 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 and aorta:18,19
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Eq. 4.2 p( , ' ) = p(cos
(1- g2

s s θ
4π θ

)
)

( cos ) /=
+ −1 22 3 2g g

.

This function was originally derived to describe scattering of starlight by interstellar
matter.21 It is normalised to unity on being integrated over a solid angle of 4π. In Eq. 4.2,
we can recognise the previously mentioned g-factor, which accounts for the asymmetry in
the angular distribution of the scattered light. The formal definition for the mean cosine of
the deflection angle is

Eq. 4.3 g = ⋅∫∫ s s' s s'
4π

∂Ω p( ,  ) ' ,

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

A more general expression for the phase function can be formulated as an expansion series
in Legendre polynomials Pn(s, s’):

22

Eq. 4.4 p( , ) =  
4

(2n+1)b ( , )n
n=0

s s' s s'
1

π
Pn

∞

∑
with the expansion coefficients bn given by:

Eq. 4.5 b ( ) =  p( ,  ) P , ) 'n n
4

r s s' s s'(
π

∫∫ ∂Ω .

The first order Legendre polynomials are:

Eq. 4.6       P0(x)=1;    P1(x)=x;         P2(x)= 
1

2
(3x2-1);       P3(x)= 

1

2
(5x3-3x).

Truncation after the first term in the expansion series in Eq. 4.4, results in a phase function
describing isotropic scattering (Eq. 4.4 with n=0 and b0=1, which follows from Eq. 4.5
using Eq. 4.6 and the normalisation of the phase function to unity):

Eq. 4.7 p(s, s’) =
1

4π
,

i.e. equal probabilit y for the photon to be scattered in all directions at each scattering event.
When two terms are used in the expansion series, a slightly more forward directed phase
function is obtained, which is used to describe diffuse light transport (b1=g, which follows
from Eq. 4.5 using Eq. 4.6 and Eq. 4.3):

Eq. 4.8 p(s, s’) =
1

4π
(1+3g s·s’).

Due to the forward-directed nature of the light scattering in tissue, this two-term phase
function is sometimes complemented with a Dirac function, δ(s-s’ ),23,24 where the fraction f
determines the degree of asymmetry:
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Eq. 4.9 p(s, s’) =f δ(s-s’)  +
( )1

4

− f

π
(1+3g s·s’).

This phase function is called the δ-Eddington phase function. The general formulation
provided by the expansion in Legendre polynomials, can also be applied to the Henyey-
Greenstein function, resulting in expansion coeff icients equal to gn (which follows from Eq.
4.5, using Eq. 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. 4.10 p( , ' ) = p(cos
1

(2n+1)g P cosn

n=0
ns s θ

4π
θ) ( )=

∞

∑ .

Other phase functions have also been suggested, including: a Mie phase function,25 a
Rayleigh-Gans form function26-28 and a two-parametric Reynolds-McCormick phase
function.29,30 The latter is also named the Gegenbauer kernel function,31 since it can be
expanded in so-called Gegenbauer polynomials rather than Legendre polynomials.

When the parameters of light-tissue interaction have clearly been defined, it is fairly straight
forward to formulate the central equation of transport theory, the radiative transport
equation. This was originally carried out in terms of a general

Boundary  
   l osses

A bsorpt i on

Scat ter i ng i nto 
 new di rect i ons

L i ght  source

  Scat ter i ng f rom 
 other  di rect i ons s'  
i nto the di rect i on s

( a) ( b)

s s
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 Ψ(r , s, t), i.e. number of particles per unit volume and unit
solid angle [m-3 sr-1] travelli ng in the direction s at the position r  and time t.5 The
assumption being for this derivation is that the energy of the particle is, on the average,
unchanged at each interaction event. Thus, we restrict the analysis to the transport of
monochromatic photons. Within the tissue optics field, it is preferable to express the
distribution of photons in a radiometric (detectable) parameter, instead of in the number of
photons per unit volume and solid angle. The radiance L(r , s, t) [W m-2 sr-1] is often used
and simply obtained by multiplying the particle distribution function with the photon energy
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and the speed of the photons, v, i.e. the speed of light in vacuum divided by the refractive
index of the tissue. The radiative transport equation can then be expressed as follows:4

Eq. 4.11

1
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L t
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L t L t

L t p Q t
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If we observe an infinitesimal volume element at r  and time t, we soon realise that the
transport equation formulates the energy balance in that element, as schematically 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 direction s. The second term corresponds to the
spatial loss of photons in the direction s, escaping the observed volume element through its
boundary surfaces. The last term on the left-hand side accounts for the photons lost through
resonant absorption, as well as scattering of photons of the direction s to any other

s

s1

s

s

s

2

i

N

Figure 4.4 The radiance can be discretised in angular components along the directions s1,
s2, …si, …sN.

direction. On the right hand side of Eq. 4.11, we first have a term representing the photons
being scattered from the direction s'  into the direction s, i.e. the gained photons. Finally,
there is a source term Q(r , s, t) [Wm-3 sr-1] 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 solution. Since no
analytical solutions are available, we have to derive it by employing approximations and
numerical solutions. There are a wide range of methods used within tissue optics, which
essentially 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 analytical solutions are often numerically solved
by discretisation. The accuracy 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 angular components, i.e. L(r , s) with s=s1, s2, …si, …sN, as depicted in
Figure 4.4. This method within transport theory is referred to as the discrete ordinates
method, or the N-flux method.4,32 From this follows the discretised transport equation:

Eq. 4.12    si⋅∇ L(r , si) + (µs+µa)L(r , si) = µs 
j

N

=
∑

1

 wj L(r , sj) p(si, sj) + Q(r , si),

where w1, w2, …wj, …wN are the corresponding weighting factors, dependent on the
numerical method used to substitute the integral in Eq. 4.11 with the summation in Eq. 4.12.
The transport equation can then be converted into a matrix differential equation, which is
solved utili sing an eigenvalue - eigenvector method. However, this requires extensive
computations and is rarely used (a seven/twenty four-flux model, i.e. N=7 or 24 in Eq. 4.12,
was utilised in the earlier days of tissue optics19,33,34).

The complexity is substantially reduced by taking only two angular components of the
radiance into account, i.e. in the forward and reverse directions, yielding the one-
dimensional transport equation based on the two-flux theory (N=2 in Eq. 4.12).35 This is
equivalent to a one-dimensional approximation of the tissue, which can be thought of as a
line along the z-axis. We therefore cannot talk about solid angles and must instead express
the transport equation in terms of irradiance I(z, s) [W m-2], where s equals either one of the
unity vectors z or -z. The transport equation is then reduced to the following set of
differential equations:

Eq. 4.13
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Eq. 4.14
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where µs1D and µa1D are the one-dimensional scattering and absorption coeff icients. Tissue
can often be considered as an isotropic medium, i.e. the scattering probabilit y of a photon
propagating in one direction being scattered into another does not depend on the initial
propagation direction. Hence, p(z, -z) = p(-z, z) and p(z, z) = p(-z, -z). As the one-
dimensional analysis allows photon propagation in only two directions, s=z and s=-z, it
follows that p(z, z)+p(-z, z)=1 and p(-z, -z)+p(z,-z)=1. Using these equaliti es together with
the definition of the back scattering probability S:

Eq. 4.15 S = µ s1D p(-z, z) = µ s1D p(z, -z), 

the final expression for the one-dimensional transport equation is obtained:
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Eq. 4.16  
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These equations can be identified with those used in the Kubelka-Munk approach36,37

(KKM=µa1D and SKM=S) derived for two diffuse light fluxes propagating in the forward and
backward directions assuming diffuse irradiation. Star and van Gemert et al.22,38 have shown
how the one-dimensional interaction coeff icients, µa1D and µs1D, are related to the
volumetric optical properties, if significantly higher effective scattering coeff icient than the
absorption coefficient is assumed:

Eq. 4.18 µa=
1

2
 µ a1D

Eq. 4.19
3

4
(1-g)µs-

1

4
µa = µs1D p(-z, z) = S.

The general solutions of Eq. 4.16 and Eq. 4.17 are of the form:26

Eq. 4.20 I(z, z)=A e (-αz) + A' e (αz)

Eq. 4.21 I(z, -z)=B e(-αz) + B' e(αz) ,

where α is given by:

Eq. 4.22α= µ + µ = µ µ + µ − = µ µa D a D a a s a trS g1
2

12 3 1 3( ( )) ,

where µtr is the so-called transport coeff icient. The constants A, A', B and B' are determined
from the boundary conditions, i.e. from the reflectance and transmittance. The formal
definition for the reflectance at a boundary surface with a unit vector n, pointing into the
medium, is:

Eq. 4.23 R = - L( ,  )
<0

boundarys n r s
sn

⋅
⋅
∫ ∂Ω ,

with an analogous definition for the transmittance.

An even simpler case would be to study the irradiance only in one direction, let us say in the
propagation direction of a colli mated beam along the z-axis, s=z, disregarding the impact of
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the diffusely scattered light. An expression for the colli 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

θs

µ = cos 

i

i θ i

Figure 4.5 The radiance can be discretised by cones characterised by µi=cosθ i and φ=[0,
2π].

Eq. 4.24
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which can be recognised as the Beer-Lambert law.  The solution is a simple exponential
expression:

Eq. 4.25 I(z, z) = Icol(z) = I(z=0) exp[-(µs+µa)z].

Alternatively, the discretisation of the radiance can be performed in terms of N cones
quantified by µi=cosθi and φ=[0, 2π] as shown in Figure 4.5, i.e. in azimuthally averaged
radiance components L(r , µi), in contrast to the previous mentioned angular components in
discrete directions. The phase function is then substituted by a redistribution matrix with
elements, h(µi, µj), corresponding to the fraction of incident light in a cone µi, which is
scattered into a cone µj. The adding-doubling method is based on this discretisation for a
slab of tissue, thin along the z-axis and of infinite extent in the xy-plane.35,39 The thickness
of the slab should be so small that the integration of the radiance along the z-axis can be
approximated by an average of the radiances at the top and bottom of the layer. This is
necessary to be able to solve the time-independent, discrete, azimuthally averaged transport
equation:

Eq. 4.26
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The weighting factors wj are determined by the numerical integration procedure selected.
This equation can be solved via integration over the thickness, t 1-t 0=∆t, of the thin slab:

Eq. 4.27  
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where L½ represents the previously mentioned approximation of the integral:

Eq. 4.28  L½(µi)= 
1

2
[L(t  0, µi)+ L(t 1, µi)].

This results in an expression dependent on the radiance at the top, t 0, and bottom, t 1, of the
slab, which consequently are the only parameters that can be determined. The adding-
doubling method is thus mainly used to compute the reflectance and transmittance rather
than the radiance inside the tissue. The results from a slab with a thickness twice as thick as
the initial thin layer are obtained by summing the contributions from each individual slab.
This can be repeated until the true physical thickness is reached.

4.2.2 Expansion methods

A formal method to solve a differential equation is to find the solution to its homogeneous
part and expand the general solution in terms of the homogeneous solution obtained. This
eigenvector - eigenvalue problem has for the transport equation been treated by Case40 and
Case and Zweifel,5 but has never really been applied to tissue optics.

A simpler approach than using the rather complex eigenfunctions, would be to expand the
radiance using a well -known appropriate function series.5 Considering the angular
distribution of diffusely scattered light, a realistic choice of orthogonal expansion functions
for the diffuse radiance would be spherical harmonics. Legendre polynomials Pn(x) (see Eq.
4.6) have proven to be well -suited to axial-symmetric tissue geometry.5,22 This implies that
the radiance must first be separated into one primary, colli mated part, Lc, and one scattered
part, Ls:

Eq. 4.29 L(r , s) = Lc(r , s)+ Ls(r , s),

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

Eq. 4.30
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 = −µ .

The expansion of L s(r , s) and its expansion coefficients Ln are given by

Eq. 4.31 L ( ,  ) =  (2n+1)L ( )s n
n=0

r s r r ,  s( )Pn

∞

∑
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Eq. 4.32 L ( ) =  L ( , ) P ,  ) 'n s n
4

r r s' r s'(
π

∫∫ ∂Ω

The regular normalisation factor (4π)-1 is not included in Eq. 4.31, since by convention35 it
is instead taken into account in Eq. 4.36 below. Also the phase function p(s, s') is expanded
in Legendre polynomials by employing Eq. 4.4 and Eq. 4.5.

By the use of Eqs. 4.4, 4.11, 4.30 and 4.31,22 the stationary radiative transport equation
expanded in Legendre polynomials can be derived using:

Eq. 4.33       

s r s r s

r r s' s  s'

s  s' 0 0

⋅∇

+

∫∫∑∑

∑
=

∞

=

∞

=

∞

L ( ,  ) + ( + )L ( ,  ) =

i L ( ( ,  ) (2j +1)b ( , ) '+ 

+ b ( , ) L  ) e

s s a s

s
i j

s
j c

(- t

µ µ
µ

π
(2 +1) ∂Ω

µ
π

π

µ

4

4
2 1

400

0

ji

j

sj

)P P

P

i j

j( ) ( , .)

The last term originates from the colli mated radiance, with an initial value of Lc(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 multiplying the
transport equation by Pn(s, s'). This is followed by an integration over all directions s and
finally employing the addition theorem for Legendre polynomials.5,32,35 As with all i nfinite
theoretical expansions, the series of Legendre polynomials must be truncated keeping terms
0, 1, 2,…N. This approximation is in general called the PN-approximation.5,22,32,35

Truncation after one term corresponds to the assumption of isotropic light scattering,
according to Eq. 4.7. If only the first two terms are retained, we are applying the phase
function in Eq. 4.8 and the P1-approximation, better known as the diffusion approximation.
It results in a set of two differential equations, which when combined can be rewritten as the
diffusion equation.4,41,42 The time-dependent version is often written as35

Eq. 4.34
1
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where Φ(r , t) is the fluence rate (=∫∫ L(r , s, t) dΩ) and S0(r , t) is a source term. The
diffusion coefficient D is defined by

Eq. 4.35 D=[3(µa+µs(1-g))]-1 

The scattered radiance can then be expressed by

Eq. 4.36Ls(r , s, t) = L0 + L1 = (4π)-1 Φ(r , t) + 3(4π)-1 j (r , t)⋅s, 

where j (r , t) = ∫∫ L(r , s, t) s dΩ is the net energy flux vector responsible for the small
deviation from isotropy. This approximation is only applicable when the diffusely multiple
scattered part of the radiance dominates over that colli mated, i.e. when (1-g)µs>>µa and far
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from the light source. More pronounced asymmetric light scattering is described on adding
a Dirac-function to the two-term phase function, forming the δ-Eddington phase function in
Eq. 4.9.

4.2.3 Probabilistic methods

Powerful methods of deducing the light distribution in tissue are those based on the
stochastic nature of light. Probabilit y distribution functions of the interaction processes are
generally formed utili sing the dynamic model of the physical system studied. Within tissue
optics they are founded on the radiative transport equation and its probabili stically defined
interaction parameters, i.e. µa, µs (the probabilit y of a photon being absorbed/scattered per
unit path length) and the g-factor determining the shape of the angular scattering probabilit y
function via the phase function.

A traditional and well -known probabili stic model for photon propagation is the Monte
Carlo approach,43-47 where individual steps along the photon path is randomised utili sing
probabilit y density functions for the step sizes, p(s), as well as for the two deflection angles
θ [0, π] and φ [0, 2π], i.e. p(θ) and p(φ) respectively. From the probabili stic definitions of
the scattering and absorption coeff icients, the probabilit y density function for the step size
has been derived, given by46,47

Eq. 4.37 p(s) = (µs+µa)exp[-(µs+µa)s].

This exponential distribution can be transformed to yield a randomised sampling of the step
size based on a uniformly distributed random number ξ between [0, 1] as follows:

Eq. 4.38 s
s a

= −
+

ln( )

( )

ξ
µ µ

.  

The probabilit y density function for θ should be selected to resemble the true angular
distribution of the scattering. Thus, the density function of the phase function proposed by
Henyey-Greenstein21 is often adopted, given by

Eq. 4.39 p(cos
(1- g2

θ
θ

)
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+ −2 1 22 3 2g g

,

where g is the previously mentioned asymmetry factor. Randomised sampling of θ, or rather
µ=cosθ, utili sing a uniformly distributed randomised number ξ between [0, 1] is obtained
by employing a transformation of the density function in Eq. 4.39 to46,47
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Eq. 4.40

µ ξ −1= 2  for g=0.
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Finally, we assume that the azimuthal angle φ is uniformly distributed within [0, 2π]. This
means that p(φ) is a constant and equals 1/2π. Thus the azimuthal angle is sampled with the
randomised number ξ utilising

Eq. 4.41 φ = 2πξ.

Furthermore, the absorption is stochastically taken into account at every interaction event
during the photon propagation, by decrementing a photon weight, w, initially assigned a
value equal to unity.

Each photon path is computationally formed by a number of consecutive repeated events:
the step size is randomised according to Eq. 4.38 and the position vector of the photon, r , is

updated. A factor of w
µ

µ + µ
a

s a( )
 is subtracted from the photon weight and is accounted

as absorption. Finally, new deflection angles θ and φ are

A verage path

A ctual  path

Sour ce Detector

r ( 0 )v ( 0 ) r ( T )v ( T )

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 direction of
the photon. Boundary effects, such as Fresnel reflection, is also taken into account. This is
repeated until the position vector has reached one of the tissue boundaries and the photon
weight is accounted as either transmission or reflection. 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 factor m,
governed by a roulette technique. New photons are then subsequently launched, all with an
initial weight set to unity. In order to obtain good statistics and high accuracy of the
resulting absorption, reflection and transmission values, a large number of photons must be
tracked.
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The Monte Carlo method is easily adopted for extraction of further information. By
recording the accumulated photon path length during the photon propagation and rescaling
in temporal units using the speed of light, a time-resolved Monte Carlo method can be
designed.48-51 This means that the temporal behaviour of the reflectance and/or
transmittance can be derived. A shift in the wavelength can also be incorporated at a certain
fraction of the interaction events. This corresponds to a non-elastic scattering event, which
enables Monte Carlo simulations of fluorescence light,52,53 as demonstrated in Paper VI, and
of Doppler shifts.28,54-56

Instead of randomising each individual step along the pathway of the photon, the entire
average path can be stochastically treated. A path probabilit y distribution function P[r (t)] in
a non-absorbing medium is formed for the photon trajectories represented by r (t), each
associated with the speed v=v(t)s. This probabili stic approach is referred to as the path
integral method.57,58 It differs from most of the other RT-methods (except for the adding-
doubling method) in that it provides information on the radiance at local sites rather than in
the entire tissue. The photon probabilit y distribution function Ψ(r , v, t) [m-3 sr-1], and
consequently expressions for radiometric quantities such as the radiance L(r , s, t), is
obtained by integrating the path probabilit y distribution function along all the different
average paths satisfying initial and final conditions of the location r (t) and velocity v(t) of
the photon.57,58 The initial conditions are given by the location of the source and the initial
speed of the photon (r (0) and v(0)), whereas the final conditions at the time t=T depend on
the location of the detector and the final speed of the photon (r (T) and v(T)), as shown in
Figure 4.6. The absorption properties are then separately added by weighting the non-
absorption probabilit y distribution function for a photon with a factor 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 physical and biological measurements. However,
this does not mean that we can pick any of these models for our application. The decision
should be based on what type of information is required (e.g. the light distribution in the
tissue, the amount of reflected light from or transmitted light through a tissue sample). The
geometric and optical properties of the tissue being modelled and accuracy required must be
balanced against acceptable computational time. These distinctions are already indicated by
the different assumptions being made in the theoretical derivations above, but will be
further elucidated with some examples of applications.

We can essentially distinguish between three categories of realistic light distributions,
schematically ill ustrated in Figure 4.7, for which different radiative transport models are
appropriate. The light intensity along a colli mated light beam propagating in tissue with
predominating absorption properties (Figure 4.7a), is well described by the simplest of the
light propagation models - the Beer-Lambert law. The influence of scattered light can here
be neglected, since most light-tissue interactions are light absorption events. An example of
when Beer-Lambert’s law is applicable, is given in the present work, Paper III , where the
dynamic behaviour of the temperature dependence of the absorption coeff icient of the
highly light absorbing blood is derived at 586 nm, in conjunction with laser-induced
thermotherapy. Blood is one of few tissues exhibiting predominating light absorption
properties, appropriate for Beer-Lambert’s law, in the visible region. However, tissue is also
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highly light absorbing outside the visible window of the electromagnetic waves, i.e. Beer-
Lambert’s law is often applied in the infrared (IR) spectral range. For instance, it was used
when performing light transmission measurements in the near infrared region on myocardial
tissue in Paper VII , in order to find characteristic absorption dips. Beer-Lambert’s law can
also be

µ >>µ  ( 1- g)a s µ ~µ  ( 1-g)a sµ <<µ  ( 1- g)a s

( a) ( b ) ( c )

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

employed to derive the total interaction coeff icient, µt, from measurements of the colli mated
transmittance (see Eq. 4.24) of tissue with non-negligible scattering properties. This is often
one step in the measurement procedure for determination of the three optical properties of a
tissue sample, as shown in Papers I, II and IV. The forward directed scattered light must
then be eff iciently prevented from being registered by the detector, so that only the
collimated transmitted part is monitored to ascertain the validity of Beer-Lambert’s law.

The other extreme of possible light distributions is in cases where scattering events clearly
dominate over absorption, i.e. when µs(1-g)>>µa, 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 diffuse light fluxes (the radiance integrated over
the two hemispheres) propagating in the forward- and backward directions in the Kubelka-
Munk model. Among the expansion methods the temporal and/or spatial li ght distribution
can be derived employing the P1 method (the diffusion approximation). Since most tissues
exhibit highly forward-directed light scattering,18-20 this category of models will not always
provide accurate 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 after
numerous scattering events. From this it follows that these models will exhibit good
accuracy 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 optical
properties,59-61 which yield adequate initial values for more extensive iterative
computations.62 Since it provides analytical expressions for the absorption and scattering
properties of a tissue sample versus easily measurable parameters such as reflectance and
transmittance, in contrast to other light-propagation models. The more rigorous diffusion
approximation is derived in three dimensions and provides temporal, spatial and angular
information on the light distribution in- and outside the tissue. Reasonably good accuracy is
obtained, provided no initial events of photon propagation are studied in time, or in space,63

at low computation times. The diffusion approximation is therefore widely used for several
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applications within tissue optics, particularly for comparison with time- or spatially-
resolved transmission, or reflection measurements conducted in order to determine the
optical properties,64-67 or to find inclusions with diverging optical properties, such as
tumours embedded in normal dense tissue.68-71 High values of the reduced scattering
coeff icient compared to the absorption coeff icient are required for good accuracy. However,
the diffusion approximation has been shown to be useful even when this assumption is not
completely fulfill ed, for example when optically monitoring oxygen saturation in blood.
Good agreement between computed and measured results are obtained, as long as the
wavelength of the probing light is longer than 660 nm, to reduce the high absorption
coeff icient.41,72 Even better accuracy can be achieved, if anisotropic scattering is
incorporated in the two-flux model or diffusion approximation, by the used of correction
factors or selecting appropriate expansions of the phase function23,24,26,34,73,74 (see e.g. the
delta-Eddington method). The accuracy for the discretisation methods can be improved by
discretisation of the radiance in more than two directions, as for example in seven19 or
twenty-four34 flux models. Comparison between the Beer-Lambert law, the Kubelka-Munk
method, the diffusion approximation and the seven/twenty-four -flux model19,33,34 ill ustrates
that all methods yield similar values of the fluence rates deep within the tissue. However,
too low values for both the Beer-Lambert law (neglecting the diffusely scattered light) and
the diffusion approximation, as well as, too high values for the Kubelka-Munk model
(assuming completely diffuse light scattering), are computed immediately below the surface,
compared to the results from the more accurate multi-flux models.

The final category of light distributions is that generated in tissue which is neither
predominantly scattering nor absorbing, but rather a combination of the two (Figure 4.7c).
This means that our method should not be restricted by validity when concidering the
optical properties of the tissue being modelled. The adding-doubling method has in this
respect no limitations,35,39 and produces steady-state reflectance and transmittance data of
good accuracy at low computation times. However, it supports layered tissue geometry of
infinite lateral extension only, and the internal li ght flux is obtained with diff iculty. Adding-
doubling computations are therefore mainly performed in conjunction with transmission and
reflection measurements of thin tissue samples, in order to iteratively fit measured to
computed values by varying the optical properties of the modelled tissue sample.75-81 In the
present thesis (Paper IV) such computations were performed, in order to determine heat-
induced changes in the optical properties of blood in a thin flow cell . When the light
transport through thicker tissue samples is considered, the path integral method57,58 might be
more appropriate. It is an eff icient probabili stic method to model the light propagation in
the frequently employed point- ill umination and detection configuration, without restrictions
on the validity concerning optical properties. The computations are here founded on the
probabilit y function of entire photon paths instead of individual photon steps. This approach
seems particularly appropriate for applications where large computations of light
distributions are required, e.g. for optical imaging. Finally, when the spatial li ght
distribution is of interest, rather than point monitored data, or when complex tissue
geometries are considered, a flexible method is required. The probabili stic method based on
the Monte Carlo concept is the alternative within radiative transport theory that has the least
restrictions concerning optical properties, ill umination and detection geometries etc.. The
results from such simulations are obtained with good accuracy, except for a normalisation
factor, when comparing with experimental measurements performed in spatial,8 as well as
temporal modes.82,83 The influence of geometrical parameters, such as the profile and size of
a finite probe beam, on the light distribution has been simulated,46,84 as well as of complex
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objects embedded in the tissue, such as cylindrical and curved blood vessels in dermis in the
skin.85-87 The high accuracy achieved using the Monte Carlo approach means that this is the
reference method frequently used to evaluate the validity of other less precise models.
Predictions of the radiance using, for instance, the diffusion approximation have been
related to those obtained from standard Monte Carlo simulations, these reveal reasonably
good correspondence in the spatial li ght distribution (average deviations<10%) for g-factors
less than 0.8 and reduced scattering coeff icients greater than 3 mm-1, as long as the latter is
at least ten times larger than the absorption coeff icient.88,89 Beyond these limits, the
diffusion approximation must be regarded as less accurate. Monte Carlo computations also
confirm the results obtained from the previously mentioned multy-flux models,19,33,34 in
these comparisons the diffusion approximation yielded lower fluence rates close to the
surface and higher values at greater depths.

The high accuracy provided by Monte Carlo simulations is, in this work, shown to
advantage in Paper I and Paper II , when expressing measured changes in transmittance and
reflectance of liver and muscle tissue, in terms of changes in their optical properties in
conjunction with laser-based treatments. However, there is one major drawback of the
Monte Carlo method, the high accuracy can only been obtained after long computation
times. Condensed Monte Carlo methods90 (see Paper VI), hybride methods (the Monte
Carlo procedure combined with the diffusion approximation),91,92 and fitting procedures
based on tabled Monte Carlo simulated data have thus been developed82,83,93 (see Paper I
and Paper II).

Basic knowledge of the optical properties of the tissue studied is thus an advantage, when
selecting computation methods for analysis of the light distribution. However, the choice is
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 successfully be
employed for fast, approximate estimations of general trends, as performed in Paper III . A
large number of quick computations were conducted here in order to conclude that an
increase in the absorption coeff icient always (in a large range of scattering and absorption
properties) results in an decrease in both reflectance and transmittance, whereas an increase
in the scattering coeff icient always yields an increase in the reflectance and a decrease in the
transmittance. If instead detailed information of for instance the spatial distribution of the
light flux in a tissue sample of complex geometry is required with high accuracy, more
rigorous and time-consuming computations must be conducted, as for example Monte Carlo
simulations.

4.3 Electromagnetic theory

Let us now describe the light as electromagnetic waves. Propagation of electromagnetic
waves through a spatially varying dielectric medium, such as tissue, is classically described
by Maxwell's equations:94,95

Eq. 4.42 ∇ × +H =
D

J
∂
∂t

Eq. 4.43 ∇ × E = -
B∂

∂t
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Eq. 4.44 ∇ ⋅ D = ρ

Eq. 4.45 ∇ ⋅ B = 0 ,

where H [A m-1] and E [V m-1] are the magnetic and electric field vectors, D [C m-2] is the
electric displacement vector, B [Wb m-2] is the magnetic flux density vector, J [A m-2] is the
current density vector, and ρ [C m-3] is the volume charge density. Maxwell 's equations are
condensed mathematical expressions for fundamental physical laws describing, in integral

form, the total current (
∂
∂

∂
D

J) a
t

+ ⋅  passing through the area represented by ∂a induces

a magnetic field, which equals the line integral of H along the path surrounding the area
(Ampère's law). Analogously, a time-varying magnetic flux density B passing through a
closed conducting loop generates a current around that loop, inducing an electric field E
(Faraday's law). Furthermore, the total electric flux D⋅∂a flowing out of a closed surface ∂a,
equals the total charge ρ∂V (∂V is an infinitesimal volume element) enclosed by the surface
(the Gauss electric law). This is in contrast to the magnetic flux B⋅∂a, where there is no
magnetic "charge" and thus no net flux flowing in or out of a closed surface as indicated by
Eq. 4.45 (the Gauss magnetic law). Furthermore, the constitutive relations in a non-
dispersive and isotropic medium (corresponds, in the optics region, to an assumption of a
refractive index independent of the wavelength and direction, respectively), expressing how
the field vectors are interrelated and dependant on the characteristics of the medium, are
given by

Eq. 4.46 D=εE

Eq. 4.47 B=µH

Eq. 4.48 J=σE,

where ε [F m-1] is the permittivity, µ [H m-1] is the permeabilit y (both assumed to be time
independent) and σ [S m-1] is the conductivity. Hence, Maxwell 's equations Eq. 4.42-Eq.
4.45 can be rewritten as

Eq. 4.49 ∇ × +H =
E

Eε σ
∂
∂t

Eq. 4.50 ∇ × E = -
H

µ
∂
∂t

Eq. 4.51 ∇ ⋅ E =
ρ
ε

Eq. 4.52 ∇ ⋅ H = 0 .
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Eq. 4.51 and Eq. 4.52 are derived under the assumption of a homogeneous medium. An
effective complex permittivity is derived from the time-harmonic version of Eq. 4.49 with
the convention e-iωt (ω=2π⋅frequency):

Eq. 4.53 ∇ × +H = - E Eiωε σ

as

Eq. 4.54 ε ε
σ
ωeff i= + .

Its correspondence within optics is the refractive index given by95

Eq. 4.55 n=n'+in''=(ε/ε0)
½,

where ε0 is the permittivity for free space.

Figure 4.8 An image of a red blood cell (the author’s), obtained in a phase 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 i nter-distal separation) of the
phase microscope were scanned over the cell i n the diagonal direction. The direction of the
scanning is indicated by the arrow in the left lower corner. A spatial distribution of the
phase shift can thus be derived, which in turn corresponds to a map of the refractive index
and the thickness of the cell.

The electromagnetic theory is founded on this set 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 is to find a solution to Eq. 4.49-Eq. 4.52 for tissue. Tissue with its organelles, cell
membranes, inter-cellular structures etc. cannot be regarded as a homogeneous medium, but
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instead as a random continuum. Thus, there is a spatial dependency in the permittivity,
εeff=εeff(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 <εeff(r )> and one randomly fluctuating component εeff '(r ).4

The latter has different functional forms depending on the nature of the true physical
fluctuations in the atmosphere (rain, fog, smog, cloud etc.). For tissue this would according
to Eq. 4.55 be equivalent to determining the refractive index as a continuous function of
position, dependent on the microscopic morphology of the tissue: on the quantity, size,
shape of organelles, cells, structural tissue etc.. Considering these are often of sub-micron
size, it is not surprising that this concept has not been realised within tissue optics.
However, a first step has been taken in studying spatial variations of the refractive index of
cells and mitochondria in a phase microscope.96 This is for a red blood cell (the author’s)
exemplified in Figure 4.8.

4.3.2 Tissue as a collection of particles

Instead of applying the random continuum approach, the electromagnetic theory within
tissue optics has been applied to clusters of biomolecules and cells by finding solutions to
Maxwell 's equations for homogeneous particles. From the assumption of homogeneity it
follows that εeff and µ are constants. Thus, Eq. 4.49 and Eq. 4.50 can be manipulated
together to form the general vector wave or Helmholtz equations:95

Eq. 4.56 ∇×(∇×E)-k2E=0

Eq. 4.57 ∇×(∇×H)-k2H=0 ,

where k2=ω2εeff µ=(2π/λ)2. There are several physically realisable electromagnetic fields
(E, H) that satisfy these equations. In order to find the solution of interest, geometrical and
material parameters for the specific problem must be formulated by, for instance, boundary
conditions. We are interested here in the electromagnetic fields inside a particle, i.e. the
internal field Eint, and the scattered E-field Es outside the particle. The latter can be
regarded as a superposition of wavelets originating from dipoles in the particle, in turn
induced by the incident field Ei. Our fundamental conditions can then be expressed as
follows: both the internal (Eint) and external (Eext= Ei+Es) fields should satisfy Eq. 4.56.
Moreover, the internal and external E-fields should be related via boundary conditions at
the edge of the particle which depends on the object being studied. The boundary conditions
are often based on the general properties of electromagnetic waves, stating for instance the
tangential components of the E- and H-fields are continuous when passing across a
boundary. The incident field is conveniently assumed to be a plane wave Ei(r )=E0

exp(i ksm⋅r  - iωt), propagating in the surrounding medium with the wave vector ksm.

The general idea of solving Eq. 4.56 is to expand the incident, internal, as well as scattered
fields in terms of vector waves, M  and N, and determine the expansion coeff icients from the
boundary conditions for each particle. This can be performed since these vector functions
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satisfy the vector wave equation. Spherical vector waves are frequently employed and
defined as:97

Eq. 4.58 M o
mn(kr )=∇×r  e-imφ Pn

m(cosθ) (jn(kr)+inn(kr))

Eq. 4.59 No
mn(kr ) = k-1∇×M o

mn(kr ),

Z

X

θ i

θs

φ i

φs
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Y

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

where geometrical parameters are depicted in Figure 4.9. Pn
m(cosθ) are associated Legendre

functions specified by their indices n=0, 1, 2… and m=-n, -n+1,…, n-1, n (first orders are
exemplified in Eq. 4.6). jn(kr) are spherical Bessel functions, nn(kr) are Neumann functions
and k equals 2π/λmedium.

The M o- and No-functions are outward travelli ng waves with singularities at the origin. The
incident field is therefore expressed in terms of M i- and Ni-functions, i.e. spherical vector
functions as defined in Eq. 4.58 and Eq. 4.59, but with a pure Bessel radial dependency (not
Neumann functions due to their behaviour at the origin) in order to obtain a regular solution
without singularities at r=0 at the centre of the particle:

Eq. 4.60Ei(ksm r ) = E0 
m, n
∑ Dmn[amnΜΜi

mn (k sm r ) + bmnN
i
mn (k sm r )].
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Dmn are normalisation constants, and the expansion coeff icients amn and bmn are given by the
incident field. The internal field is also an equivalent expansion of the M i- and Ni-functions,
due to the requirement of a final solution at the origin:

Eq. 4.61   Eint(kparticler ) = E0
m' , n'
∑ Dm'n'[cm'n'ΜΜi

 m'n'(k particle r) + dm'n'N
i
 m'n'(k particle r )]

with the unknown expansion coeff icients cm'n' and dm'n'. Finally, the scattered field is
expressed as a summation of outward travelli ng, complete M o- and No-functions, including
the Neumann functions, due to their asymptotic behaviour at large distances from the
particle:

Eq. 4.62Es(ksm r ) = E0 
m, n
∑ Dmn[fmnΜΜo

mn (k sm r ) + gmnN
o
mn (k sm r )]

with fmn and gmn as unknown expansion coeff icients. Formally, this concept provides an
exact solution to the vector wave equation, but as the expansion series must be numerically
truncated, it has an approximate character.

The problem has now been reduced to a determination of the expansion coeff icients cm'n',
dm'n' (internal field), fmn and gmn (scattered field) from the known amn and bmn coeff icients of
the incident field and from the specific boundary conditions. Let us start with the simplest
type of particle, a homogeneous sphere.

The special case of the generally formulated solution to the vector wave equation for a
homogeneous sphere is well -known under the name Lorentz-Mie theory or just Mie
theory.94,95,98 An incident linearly polarised, plane wave with the amplitude E0 results in
expansion series (Eq. 4.60) where all expansion coeff icients m≠1 vanish. The expansion
series can then be written as:94

Eq. 4.63 E i sm
n

n
n
i

n
ik i

n

n n
i( ) E

( )

( )
( )r M N=

+
+

−∑0

2 1

1
(m=1)

for the incident E-field, with a corresponding H-field. Thus, compared with Eq. 4.60 the
coeff icients amn and bmn are known and we proceed with the boundary conditions using the
continuity of the tangential components of the fields across a boundary. Mathematically,
this is expressed by

Eq. 4.64 (Ei+Es-Eint)×er=0 at r=aer

Eq. 4.65 (H i+Hs-H int)×er=0 at r=aer

at the boundary, r=aer, where a is the radius of the sphere and er is the radial unit vector of
the spherical coordinate system with the origin at the centre of the sphere. We have four
unknowns cn', dn' (internal field), fn and gn (scattered field) and four independent equations
originating from Eq. 4.64 and Eq. 4.65:
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Eq. 4.66 Eiθ+Esθ = Eintθ

Eiφ+Esφ = Eintφ

Hiθ+Hsθ = Hintθ

Hiφ+Hsφ = Hintφ at r=aer

Hence, the four coeff icients are uniquely determined. The expressions consist of the
spherical Bessel and Neumann functions, jn(x) and nn(x), and their derivatives with x and
mx as arguments, where x is the size parameter equal to 2πn'sma/λ (n'sm is the real part of the
refractive index of the surrounding medium and λ is the wavelength of the electromagnetic
wave) and m is the relative refractive index equal to nparticle/nsm.94,98 The internal and
scattered fields can thus be computed.94,99

As soon as the shape of the particle diverges from the sphere, the complexity of the
derivations of the solutions to the vector wave equation increases. The boundary conditions,
together with the expansion series, rarely form a linear set of equations, as observed for a
sphere, which is necessary to easily compute the expansion coeff icients. This however can
be solved by mathematically reformulating either the expansion functions or the boundary
conditions. The former concept is equivalent to separating the vector wave equation in a
more appropriate coordinate system, where one of the coordinate surfaces coincides with
the surface of the non-spherical particle. For instance, cylindrical coordinates and vector
functions are employed to solve the vector wave equation for circular cylinders.94,95,98

Moreover, spheroidal coordinates have successfully been  used for arbitrary spheroids,
oblate or prolate.100,101  

The second concept implies that new boundary conditions are formulated, whereas the
fields are still expanded in spherical vector functions, as in Eq. 4.60 - Eq. 4.62.
Waterman,102 as well as Barber and Yeh,97 expressed a boundary condition by means of
integrals over the particle surface S of electric and magnetic surface currents. This in
combination with the so-called extinction theorem95 forms an extended boundary condition
used to derive the expansion coeff icients for the spherical vector functions. The extinction
theorem states that the scattered field must cancel the incident field inside the particle and
the expression for the total E-field can accordingly be written as

Eq. 4.67          

r E(r )

r
E (r ) E (r ) E (r )

 outside particle       

 inside particle              

E surface currents S+ H surface currents S

0





= + = +

+ ∇ × ∇ × ∇ ×∫ ∫

i s i

S S

∂ ∂

Hence, inside the particle the fields originating from the surface integrals should cancel the
incident field. This relates the expansion coeff icients of the incident field to the surface
currents. The surface currents generate in turn an outward propagating field, i.e. the
scattered field Es(r ). This relates the expansion coeff icients of the scattered field to the
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surface currents. Consequently, the connection between the expansion coeff icients of the
incident and scattered fields lies in the surface currents. This is mathematically handled by a
transition matrix or the T-matrix:

Eq. 4.68
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This extended boundary method is therefore frequently called the T-matrix method. It
implies that the scattering problem is reduced to the determination of the elements of the T-
matrix, consisting of surface integrals. These computations can be performed for arbitrarily
shaped particles, but have mainly been applied to spheroidal particles.103-105 When being
derived for spherical 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 unrealistic,
all the methods based on electromagnetic theory discussed so far can be regarded as exact
solutions to the vector wave equation. They are often associated with extensive
computations, except for the spherical particle, thus the requirement for approximate, less
computationally demanding methods.

For particles small compared to the wavelength, i.e. if mx<<1 (x is the size parameter, m
is the relative refractive index), it can be shown94 that expansion coeff icients with terms of
the order higher than x3 can be rejected without any serious concern of the accuracy. For the
Mie expansion series of the scattered field this means that only f11 must be retained:

Eq. 4.69 f
m

m
x11

3 2

2
52

3

1

2
= −

−
+

+i
x

O
( )

( )
( )

g11 = O(x5)
f12 = O(x5)
g12 = O(x7)

This approximation corresponds to the well -known Rayleigh scattering phenomenon.95,98  It
can then be shown that the scattered intensity Is is proportional to the square of the
amplitude of the field Esdivided by k (the wave number):98

Eq. 4.70Is ∼ (Es/k)2 ∼ (f11/k)2 ∼ x6/k2 ∼ λ2/λ6=λ-4

From this it follows that the intensity is inversely proportional to the fourth power of the
wavelength. This well -known proportionality of Rayleigh scattering is in general true
regardless of particle shape, as long as, the object is small compared to the wavelength.
Furthermore, it can be proven94 that the physical interpretation of Rayleigh scattering is that
it originates from a particle so small that the surrounding field can be regarded as a uniform
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static electric field. This means that also the field inside the particle can be considered as
uniform.

To incorporate shape effects, i.e. to derive approximate expressions for the light scattering
by particles of irregular geometric shape, the Rayleigh-Gans-Debye theory95,98 is often used.
It can be derived by estimating the scattered 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 m-1<<1 and kdm-1<<1, where d is a linear characteristic dimension
of the particle. That is when the refractive indices inside and outside of small or
intermediate sized particles (compared to the wavelength) are close.

Numerical techniques can also be applied to compute approximately the scattered E-fields.
Local rather than global information on the E-field is often obtained. Instead of solving the
eigenvalue problem given by the vector wave equation, by expanding the E-fields in vector
functions, simpler expansion functions can be chosen employing the method of moments
(MoM).95 Maxwell ’s equations can also be numerically solved by discretising them in space
and time, forming so-called finite-difference equations. Employing the finite-difference
time-domain method (FDTD),95 the E-fields are then obtained using a numerical time-
stepping technique. Furthermore, a numerical technique, well -known within other
disciplines, is the finite-element method. The E-fields are here determined at certain
positions, or nodes and the global expressions 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 decreases linearly to zero on approaching the neighbouring nodes, i.e. a pyramid
function. The E-fields are thus determined locally as though raising a tent.

4.3.3 Discussion - electromagnetic theory

Electromagnetic theory, both its fundamental nature and general character are appealing to
many physicists, since it is founded on the basic laws of physics and provides mathematical
tools, which can be used for a large number of applications. Principally, it forms a
framework that can lead to an exact solution to the problem of light distribution in a random
continuum such as tissue, if only an expression for the spatial dependency of the refractive
index is known in detail . A tissue sample with its cell membranes, cell plasma, organelles
and structural components must thus be mapped in terms of the refractive index. The spatial
variations in the refractive index of individual cell membranes and mitochondria have been
determined,96 but the major part of this immense task remains. Instead, the relevance of
electromagnetic theory within tissue optics lies mainly in the possibilit y of studying the
influence of characteristic morphological features of the individual tissue components on
the light distribution. Which of the tissue constituents can the major part of the light
scattering be attributed to, what affect does the cell size, shape and alignment as well as the
relative refractive index have on the light distribution, these are some of the questions that
should be answered. This is further exempli fied in Chapter 7.2. However, some applications
of electromagnetic theory will be discussed briefly here.
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The most widespread method based on electromagnetic theory within tissue optics is
Lorentz-Mie computations for spheres. These are mainly performed in order to compute the
scattering properties of calibration suspensions of latex spheres,15,106,107 as described in this
work (Paper I and Paper II ), and also of tissue phantoms, such as Intralipid14,16 and spheres
dissolved or embedded in suitable media,10,12,13 rather than computing the scattering
properties of tissue. The reason is that independently-scattering, homogeneous spheres can
hardly be considered as a useful theoretical model for cells in tissue, although blood cells in
diluted blood is one of the few exceptions. Steinke and Shepard9 found good correlation
between Mie computed and experimentally determined scattering properties of randomly
oriented blood cells. Interesting theoretical information has been extracted on, for instance,
the influence of cell size on the light scattering by blood cells from results of Mie
computations.9,108,109 Even the cell membrane has been incorporated in Mie computations
for a layered sphere.110,111 Yet, no major influence of the membrane on the distribution of
the scattered light was predicted. Mie theory has not so far been extended to the description
of complex multiple light scattering by a collection of cells, as in general tissue. Diluted
blood, where the cells are well -separated, is from the viewpoint of tissue optics an unusual
and simple example. While Mie computations must be recognised as an inadequate model
for prediction of authentic light distributions in conventional tissue, it can provide highly
interesting information on the size of the average scatterer in tissue,14,112,113 by for instance
relating the measured to computed wavelength dependence of the scattering properties. A
theoretical wavelength dependence is analytically formulated in Paper II by two simple
polynomials and used to determine the so called Mie equivalent average radius of liver
tissue. This concept is developed in Paper II  and was partly based on the work of
Mourant et al..14

The solution of the vector wave equation separated in cylindrical coordinates would be an
interesting theoretical analogue for muscle fibres, nerve cells and other structural formations
in tissue. For instance, the diameter of collagen fibres in neonatal skin has been obtained by
comparing experimental data with computations based on such a cylindrical model.79

Moreover, the Rayleigh-Gans-Debye approximation has been utili sed for light scattering
computations of cylinders representing the similar structures of retinal nerve fibres.114

Light scattering from other non-spherical particles, mainly spheroidal objects smaller or
equivalent to the wavelength, as in other fields been computed utili sing the T-matrix
method.103-105,115 The application to larger scattering objects such as biological cells, has for
computational reasons been beyond reach until fairly recently116. 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 scattering by red blood cell volume equivalent spheroids. This
non-sphere model enables studies of the influence of cell alignment and shape changes,
impossible with Mie theory computations.

The approximate Rayleigh scattering model and its well -known wavelength dependence (Is
∼ λ-4 ), can within tissue optics be applied to study the influence of scattering by smaller
particles, for example denatured proteins,75 or as a "small -scatterer indicator" when
estimating the average size of the scatterers in tissue14,79 (see Paper II). It can also provide
the method of estimating the concentration of important biomolecules based on the
information provided by light scattering.117
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4.4 Relationship between the radiative transport and electromagnetic theories

Traditionally, computation methods based on radiative transport theory have almost
exclusively been used to predict light transport in tissue. It treats the tissue, as a
homogeneous medium with averaged light absorption and scattering properties. This is
necessary in order to derive methods applicable to authentic clinical conditions and
confrimed by experimental results.6-8 However, there are still some open questions
regarding for instance the choice of the phase function, the influence of structured cell
formations and tissues on the light distribution, and which of the tissue constituents
represent the chief scatterers. A growing interest for the relationship between microscopical,
morphological and physiological properties of tissue and its optical properties can be seen
in recent years,14,79,96,112,113,118-121 and is also reflected by the work presented here (Paper I to
Paper V). Thus, the detailed information, concerning for example shape, size, alignment and
refractive index of a scattering particle provided by electromagnetic theory, has reinforced
the position of EM-theory within tissue optics. In addition, the input parameters to the
radiative transport computations are often optical properties obtained from inverse or
iterative computations based on the very same theory. It is therefore essential, in addition to
experimental results, to have theoretical reference techniques in order to confirm the
reasonableness of computed results obtained from transport theory. Electromagnetic theory
may here serve an important role. In the light of all this, it is important to identify the links
between the two theories, which will be discussed here.

To enable the correlation between the radiometric, measurable quantities provided by
transport theory and the field characteristics given by electromagnetic theory, Fante122 and
Ishimaru4 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 these is that the fluctuations in the permittivity εeff '(r ) (εeff(r ) = < εeff(r )> +
εeff '(r )) should be small . The radiance L  in the radiative transport theory is then equivalent
to the statistical average of the time-varying Poynting vector S (see definition in Eq. 4.72)
used in electromagnetic theory.

Further links between the two theories can be recognised in the relationship of the three
optical 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, is in 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 electromagnetic theory. This is so,
since the phase function in RT-theory corresponds to the angular distribution function in
electromagnetic theory. From Eq. 4.58 - Eq. 4.62 we know that the angular distribution,
originating from a single scattering object, is in EM-theory preferably expressed in
spherical wave vectors composed of Legendre polynomials.

The absorption and scattering coeff icients of radiative transport theory can also be
heuristically related to single-particle parameters derived from the analysis of Maxwell 's
equations. These single-particle parameters are often expressed in terms of differential
scattering and total absorption cross sections. The former is defined as95
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Eq. 4.71 σd
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where s and s'  are the unit vectors pointing in the direction of  the incident and scattered
waves. Moreover, Ss and Ss' are the magnitudes of the incident and scattered power flux
density vectors, also called the Poynting vectors:95
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where Hi
* and Hs

* means the complex conjugate of the incident and scattered H-fields,
respectively. The absorption cross section is defined as95
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where E=Ei+Es and H=H i+Hs are the total fields. The integration is here performed over a
spherical area surrounding the particle at large distances from the particle (r→ ∞).
Assuming single scattering, the absorption and scattering coeff icients, µa and µs, used in
transport theory, are for a suspension of discrete scattering particles simply given by
multiplying the cross sections with a factor proportional to the concentration of particles.
Note that this is only true for low concentrations of scatterers. If the particles are not well
separated, multiple or dependent light scattering cannot be neglected. This leads to
complicated and at present unformulated relations between the microscopic scattering
properties provided by electromagnetic theory (σd, σa, gsingle) and the average scattering
parameters used in radiative transport theory (µs, µa, gmultiple).

Each model, either founded on radiative transport theory or electromagnetic theory, has its
individual strength for different applications, which is well ill ustrated by the work included
in this thesis. For instance, the simple Beer-Lambert law was employed to describe the
complex phenomena of changing absorption properties of blood during a short laser pulse
and to derive a relationship between the absorption coeff icient and the temperature of blood
(Paper III ). Thus, complicated events can be described approximately, by just applying a
simple enough model. The price paid by utili sing Beer-Lambert’s law is that the scattering
properties cannot fully be included in the modelli ng. However, this is not unreasonable for
certain tissues, especially for blood, since its absorption coeff icient at the 586 nm used in
this experiment was shown to be the predominating optical parameter, compared to the
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scattering properties. The adding-doubling method, based on a discretisation of the
transport equation, was used to interrelate the transmitted and reflected light from a thin
flow cell with the optical properties of blood, in order to monitor changes induced by slow
heating (Paper IV). This was performed at a wavelength of 633 nm, at which the light
absorption of blood cannot be considered to dominate over the light scattering. Thus, the
scattering properties cannot be neglected, which excludes the use of a simple model such as
that of Beer and Lambert. Besides, the forward directed nature of the light scattering by
blood cells yields a g-factor close to unity, where several of the other models are invalid. A
model without any restrictions in validity related to the optical properties is therefore
needed. This is when the adding-double method may well be employed. Furthermore, we
have a simple, layered measurement geometry and there are no advantages to know the two
dimensional distribution of the transmittance or reflectance, which again favours the adding-
doubling method. The Monte Carlo approach would be another option and was in this work
applied in similar experiments, when determining changes in the optical properties of liver
and muscle tissue in conjunction with photodynamic- and thermotherapy (Paper I and Paper
II ). In addition, this method is completely compatible with different tissue geometries and
provides full three-dimensional information concerning the light distribution both within
and outside the tissue. The disadvantage with this randomised approach is that the
realisation of acceptable statistics is associated with long computation times, which,
however, can be overcome by various methods. Yet, not even the Monte Carlo method
supplies any detailed information on the physical scattering and absorption events. In order
to model the influence of the morphology (size, shape, orientation etc.) of the biological
cells on the distribution 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 impact of heat on the sphering of the
disc shaped red blood cells (Paper IV), can be theoretically investigated by applying a
solution to the scattering problem based on a non-spherical scattering object, for example
the T-matrix formalism (Paper V). The total li ght distribution from an assembly of cells, or
even a tissue sample, is then often deduced by simply multiplying the light distribution from
this single scattering event by a cell concentration related factor. This means that
cooperative scattering effects as well as multiple scattering events are neglected. However,
general trends of the influence of cell morphology on the scattering distribution can still be
studied.
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5. Computational methods

The theoretical expressions described in the previous chapter can be re-phrased into various
computer routines in order to numerically derive solutions. There are 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 applications. Inverse adding-doubling and Monte Carlo computations
have essentially been performed in order to solve the inverse problem (see Papers I, II and
IV), i.e. to determine the optical absorption and scattering properties of a tissue sample
from measured light distribution values. This enables us to quantify the complex physical
phenomena of light transport in tissue in terms of a few, simple parameters. The inverse
adding-doubling program of Prahl et al.39 and the code for Monte Carlo simulations written
by Wang and Jacques47 were used here. Furthermore, Mie theory and T-matrix
computations have been employed to solve the direct problem in Papers I, II 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 Bosch99 and the T-matrix programs
were based on the code developed by Barber and Hill.123

5.1 Computations treating the indirect problem

The indirect problem is closely related to the determination of optical properties. Solving it
is computationally a rather demanding task, since it often involves an iterative fitting
procedure. Computed light transmission and reflection data are fitted to corresponding
measured values by varying the input parameters of a light distribution model, i.e. by
varying the three optical properties µs, µa and g. This was performed by using a
conventional numerical minimisation algorithm, the Downhill simplex method.124

When selecting an appropriate light propagation model for the iteration procedure, it is
clearly of great advantage to have a good insight into the assumptions being made of the
theoretical derivations of the models and also basic knowledge of tissue optics in practice.
In this work (Paper I to Paper IV) the transmittance and reflectance were measured of a thin
tissue sample placed between two glass slides utili sing an integrating sphere set up (see
Chapter 6.3). The rather simple sample geometry and the requirement of a model yielding
results of high accuracy, without any restrictions in the optical parameters, leave us with two
computation alternatives based on either the adding-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 realised by Prahl et al.39 and a simple flow chart
of the procedure is shown in Figure 5.1. When utili sing this program, the radiance was
discretised into four cones yielding a so-called 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
alternative. However, the Monte Carlo approach was in this work (Paper I and Paper II )
made more attractive, by developing a data base with transmittance and reflectance values
originating from thousands of Monte Carlo simulations, employing the program by Wang
and Jacques.47 Each simulation was performed with 100 000 photons for optical properties
in the range of 2.5-25.0 mm-1 for µs, 0.02-4.0 mm-1 for µa and 0.675-0.999 for the g-factor.
Examples of the values for g=0.9 are shown in Figure 5.2. The simulations were made for a
one millimetre thick tissue sample surrounded by the two glass slides.
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Figure 5.2 Monte Carlo simulated a) reflectance and b) transmittance values are shown
versus the scattering and absorption coefficients for g=0.9. This data 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 procedure used in the
ISMC-program to solve the indirect problem.
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A two-dimensional spline interpolation routine was then employed for each g-factor in the
data base, to extract the Monte Carlo simulated transmission and reflection values,
corresponding to a pair of absorption and scattering coeff icients (µs, µa). This results in an
array of possible µs and µa pairs versus the g-factor. A final one-dimensional spline
interpolation over all g-factors is thus needed, with the total interaction coeff icient (µt = µs +
µa) as input parameter, derived from measurements of the colli mated transmittance
employing Beer-Lambert’s law in Eq. 4.25. Hence, from three measured parameters (R, T,
µt), we are able to deduce a complete set of optical properties (µs, µa, g) with computation
times equivalent to those of the IAD-program (in the order of a few seconds). A brief
outline of the inverse spline Monte Carlo (ISMC) program, written by the author, is shown
in Figure 5.3.

Simulating the light transport through a one milli metre thick sample does not imply any
restrictions in the sample thickness used for the measurements, since the total transmittance
and reflectance are linearly dependent on this parameter. For instance, when transmission
and reflection data are measured for a sample half as thick, the computed scattering and
absorption coeff icients would simply be doubled and the g-factor remains the same. This
follows from the concept of Monte Carlo simulations and has been checked by the author
for a number of optical properties.

The deviation of 10-6 between computed and measured transmission and reflection data, was
allowed in the fitting procedure in the ISMC-program. Yet, the accuracy in terms of the
derived optical properties might be a more meaningful parameter which must be examined
and formally compared to the accuracy given by the alternative method, i.e. the IAD-
program. The accuracy was tested by simulating approximately 1000 transmittance and
reflectance reference pairs, with input parameters in the range 6<µs<24 mm-1,
0.05<µa<1.85 mm-1, 0.80<g<0.98, using the direct Monte Carlo method. These reference
pairs were used together with the total interaction coeff icient (µt = µs + µa) as input data,
both for the inverse spline Monte Carlo program and the inverse adding-doubling program.
The calculated optical properties were finally compared with the input data used for the
reference Monte Carlo simulations. The relative errors obtained from the ISMC-program
were all l ower than one percent for the two scattering parameters and lower than 1.5% for
the absorption coeff icient, except for a few computations. Slightly larger relative errors are
thus obtained for the absorption coeff icient, 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 scattering coeff icients. The spline
interpolation routine then fails to find a minimum, yielding optical
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Figure 5.4 The surface plots show examples of relative errors of the a) scattering
coefficient, b) absorption coefficient and c) g-factor obtained for the ISMC-program. The
relative errors are shown in percentage versus the absorption and scattering coefficients
used as input data. The results presented here are all for gindata =0.9, but are representative
for all g-factors in the range 0.8-0.98.
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Figure 5.5 The surface plots show examples of relative errors of the a) scattering
coefficient, b) absorption coefficient and c) g-factor obtained for IAD-program. The results
are here presented in the same way as in Figure 5.4, again with gindata=0.9, though
representative for all g-factors in the range 0.8-0.98.

properties far from those supporting the data base. However, this is not a problem in
practice, since the computed reflectance and transmittance values were both in the order of
0.01-0.03, which experimentally is an unrealistic combination. Examples of the deviations
given by the error analysis of the inverse Monte Carlo approach for g=0.9 are shown in
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Figure 5.4. This shows that largest errors (though still l ower than 1 and 1.5%, respectively)
are obtained in the rear, right corner of the surface plots corresponding to a combination of
large absorption and scattering coeff icients. The relative errors obtained in the IAD-
program are larger than those of the ISMC-program, but still l ess than 2 and 5% for the
scattering and absorption coeff icients, respectively, and less than 1% for the g-factor.
Examples of the relative errors obtained for g=0.9 are shown in Figure 5.5. The largest
errors were for the scattering coeff icient obtained for combinations of low scattering and
large absorption coeff icients, while the absorption coeff icient and g-factor exhibit large
deviations for a combination of high scattering and low absorption coeff icients.
Furthermore, a comparison of the surface plots shown in Figure 5.4 and Figure 5.5,
indicates different types of errors. It seems as if the relative errors obtained by the ISMC-
program have a stochastic character, in accordance with the stochastic nature of the Monte
Carlo approach, whereas the errors obtained by the IAD-program seem 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 code47 was modified to include lateral
boundaries. These were modelled as glass slides, corresponding to the experimental
circumstances. Computations were performed utili sing both the original Monte Carlo
program and the boundary program for µs = 25 mm-1, µa = 0.20 mm-1 and g = 0.90. The
lateral extension was first set at 5×3 cm, equivalent to the authentic sample size used in the
experiments described in Paper I and Paper II , and then followed by 2×2 cm and 1×1 cm.
The vertical geometry of the sample was equal to that used when forming the ISMC-
program, i.e. a one milli metre thick sample, with a refractive index of 1.4, mounted in-
between two glass slides (each 1 mm thick with refractive index of 1.52). In order to
estimate the errors in terms of the optical properties, IAD-computations were performed
assuming g=0.90 and with the reflectance and transmittance data from the Monte Carlo
simulations, as input data. The results are presented in Table 5.1, these reveal no significant
influence of the lateral boundaries for the 5×3 cm sized sample, since the deviations in the
reflectance, absorbance and transmittance are less than 1% and the accompanying errors of
the IAD-computed optical properties (µs: -0.3% and µa: 3.3%) are within the uncertainty of
the IAD- method itself (µs: -0.5% and µa: 2.3%). For the 2×2 cm sized sample a slight
influence can be observed, with deviations greater than 1% in the reflectance 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 1×1 cm sized sample these are in the order of 10% for the
reflectance, absorbance and transmittance. In consequence the IAD-method was only able
predict absorption coeff icients 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 (Boundary MC) are shown both in absolute and relative values.
Input data were µs = 25 mm-1, µa = 0.20 mm-1, g = 0.90, sample thickness = 1 mm and
refractive index=1.4.

Original MC Boundary MC Boundary MC Boundary MC
Lat. sample size infinite 5×3 cm 2×2 cm 1×1 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
µs 24.869(-0.5%) 24.923(-0.3%) 24.778(-0.9%) 24.730(-1.1%)

µa 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

effect should and can be taken into account by the ISMC-program, but not by the IAD-
program. A new data base could simply be formed for the ISMC-program from boundary
Monte Carlo computations. Thus, in contrast to the IAD-method, the geometry of the tissue
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 ISMC-program, are avoided
when employing the IAD-program. However, once the data base is defined for the ISMC-
program, both methods are equally time eff icient. Advantages gained by employing the
ISMC-method are better accuracy and flexibilit y concerning the geometry of the modelled
tissue sample.

5.2 Computations treating the direct problem

Naturally, single adding-doubling computations or Monte Carlo simulations are primarily
used to solve the direct problem, i.e. to derive the light distribution from known optical
properties. This is for instance accomplished in Paper II , using optical properties,
determined from untreated and thermotherapy treated liver tissue, as input parameters in
two separate Monte Carlo computations. This was performed in order to ill ustrate the
significant influence of the changes in the optical properties, as induced by the treatment, on
the distribution of treatment light in the tissue and thereby most likely on the outcome of the
treatment.

Other programs applied to the direct problem in this work are Mie theory99 and T-matrix
programs123 founded on the electromagnetic theory. They can be used to analyse light
scattering from a suspension of well -separated particles rather than from a continuous
medium. The Mie theory program has in Paper I and Paper II  been employed to quantify the
light distribution from a single spherical particle in terms of the total scattering cross
section, using Eq. 4.71 integrated over the entire solid angle, and the g-factor. The
scattering coeff icient of a suspension containing numerous, but well -separated, spheres is
then simply obtained by multiplying the total scattering cross section by the particle density,
i.e. the number of spheres per unit volume. The error in the computed parameters have been
shown to be less than 0.0003%.99 Input parameters to the Mie theory program are the size
parameter, x, equal to  2πn’ sma/λ (n’ sm is the real part of the refractive index of the
surrounding medium, a is the radius of the sphere and λ is the wavelength of the incident
light) and the relative refractive index, m, equal to nsphere/nsm (both real and imaginary parts).
Assuming constant refractive indices of both the scattering particle and the surrounding
medium, Mie theory computations can be used to derive the theoretical dependence of the
scattering properties on the wavelength and sphere size.14,125 This was carried out in Paper
II , in order to estimate an average size of the main scatterer in liver tissue from spectra 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.123 These consist of three separate programs with input parameters such
as the famili ar size parameter x and relative refractive index m, but owing to the non-
spherical shape, also the axial ratio of the spheroid (radial component along the symmetry
axis divided by that perpendicular) and the angle of the incident wave versus the symmetry
axis. The first program decides after how many terms the expansion series of the scattered
field (see Eq. 4.62) can be truncated, by comparing the differential scattering cross sections
(Eq. 4.71) computed for N and N+1 expansion terms. The original program allows a
deviation of 1%, but this convergence criteria was changed to 0.1% for our computations
presented in Paper V. This modification together with the incorporation of extended
precision variables, replacing the single precision, and also allowing larger dimensions of
the T-matrix, were included in order to attain a convergent solution for large and highly
aspherical particles, such as an oblate spheroid with a volume (94 µm3) equal to that of a
normal red blood cell (RBC).126 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.123 The upgraded program, used in Paper V, allowed size
parameters up to 22. This is a significant improvement, and more importantly, enough to be
able to compute the light scattering by a RBC volume equivalent oblate spheroid with a size
parameter at the wavelength 633 nm of 19.6. As a convergence check, the T-matrix program
also sets the number of integration points required for accurate evaluation of the elements of
the T-matrix, i.e. the surface integrals. When all convergence parameters are settled, the T-
matrix is finally calculated and stored to be used by any of the other T-matrix programs.
Either the angular distribution of the far field (i.e. far from the spheroid when the E-field
decays with a radial dependence of e-i kr/r, k=2π/λ) can be derived for all directions of the
scattered light in space using the second program, or the near 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 in Paper V.
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6. Optical properties - measurement
techniques

In order to establish our theoretical computations, still predominantly based on the radiative
transport theory in the reality, the optical properties must be experimentally determined.
The simplest and most straight forward method to characterise of the light distribution in
tissue in practice, is to determine the decay of the light intensity as a function of the
penetration distance in the tissue. By insertion of light collecting detection fibres and by
varying their distance from the light source, the penetration depth in the tissue can be
determined.6,7 If instead the detection fibres are kept at a fixed distance from the light
source, changes in the light penetration depth can be monitored, for instance in conjunction
with laser-based treatments,127 as found during photodynamic therapy, see Paper I.
However, there is frequently great interest in extracting more detailed information on the
light-tissue interactions, i.e. to separately quantify the scattering, absorption and scattering
anisotropy properties of the tissue. There exist a wide variety of measurement techniques,17

enabling the derivation of one, two or all of these parameters. Apart from the number of
parameters extracted, the methods differ in applicabilit y 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 work (Paper I to Paper IV).

6.1 One-parameter techniques

There is a group of measurement procedures where one of the optical tissue parameters can
be directly derived without any extensive computations or simulations, provided that the
measurements are performed on thin, single-scattering samples in vitro. The narrow-beam
method (see Figure 6.1a) is such a technique, where the colli mated transmittance is
measured, i.e. the fraction of light passing straight through the sample without interacting
with the tissue. The total interaction coeff icient, µt=µs+µa, can then be calculated using the
law of on-axis exponential attenuation (Beer-Lambert’s law Eq. 4.25), and knowing the
thickness of the sample.128,129 This type of measurement can also be performed for optically
relatively thick samples, provided the multiple scattered light is prevented from reaching the
detector (large distance between sample and detector and small apertures in front of the
detector). The scattering and absorption coeff icients can also be separately determined, by
placing thin samples in the centre of an integrating sphere (see Figure 6.1b).129,130 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 ill ustrated: (a) the narrow-beam set up, (b)
absorption (left) and scattering (right) measurements utili sing an integrating sphere with
the sample mounted in the centre and (c) a goniometric apparatus.

sphere with the inner surface covered with a both highly and diffusely reflecting material,
such as barium sulphate, apart that is from the small area occupied by a detector. Thus, the
detector measures a certain fraction of the light flux filli ng the sphere. When a sample is
mounted inside the sphere, the loss of light compared to the sample free control, is mainly
due to absorption by the sample, related to the absorption coeff icient. When the on-axis,
transmitted light is allowed to escape out of an exit port in the rear end of the sphere, the
scattered light from the sample mounted inside the sphere is measured, and the scattering
coeff icient can be determined. Finally, the goniometric technique can be used to estimate
the angular distribution of single-scattering events, which can be correlated to the phase
function, or the g-factor (see Figure 6.1c).18,20,31,128,129 The scattered light from an optically
thin tissue sample is here determined as a function of the scattering angle relative to the
incident beam.

6.2 Two-parameter techniques

There are a growing number of sophisticated measurement techniques allowing two
parameters, µs′=µs(1-g) and µa, to be determined. These can often be applied to dense



                                                                                                                         53

tissue, i.e. in vivo measurements are possible. This is a great advantage, since the optical
properties are most likely affected as the tissue is resected and prepared, utili sing various
techniques. In general, they all i nvolve some measurements of the amount of transmitted
light through, or reflected light by the tissue, followed by inverse computation or fitting
procedures, described in the previous chapter, to deduce the optical parameters from the
measured quantities.

6.2.1 Spatially resolved techniques

The concept of spatially resolved methods is to monitor the quantity of diffusely reflected
continuous light, as a function of the distance from the centre of the incident beam, as
depicted in Figure 6.2a. Discrete detection with optical fibres66,107,131 or imaging
techniques132,133 can be used with normal, as well as oblique incidence light. Since the shape
of the radial dependence of the reflection is determined by the optical properties of the
tissue, the absorption and the effective scattering coeff icients can be derived from this
information. A low absorption coeff icient allows photons of longer propagation history to
be detected, yielding higher reflectance in the peripheral regions of the reflectance pattern,
whereas tissue with stronger effective scattering, corresponding to a high µs′-coeff icient,
produces greater reflectance over the entire radial range. A more isotropically scattering
tissue, also with high µs′-coeff icient, results in higher reflectance close to the centre. The
absolute values of the reduced scattering and absorption coeff icients can be obtained, either
by fitting an analytical expression for the radial dependence, generated by the diffusion
approximation,66,107,132 or by means of a neural network trained on spatially resolved
reflection data utili sing the diffusion approximation134 or Monte Carlo simulations.133 This
enables the determination of two optical properties by means of relatively simple and
inexpensive equipment with estimated errors ranging between about 3-15%.66,133 However,
as several measurements are required along a radial extension from the incident beam, in
order to determine one set of optical properties, the accuracy is sensitive to local property
variations.

6.2.2 Time-resolved techniques

Time-resolved reflectance or transmittance measurements, are schematically ill ustrated in
Figure 6.2b, of tissue is possible using a picosecond pulsed light source combined 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 scattered pulse following the short,
incident pulse is characteristically influenced by the optical properties.64,65,67,68,71,135 The
absorption coeff icient mainly influences the final slope of the reflectance/transmittance-
versus-time attenuation curve. A low absorption coeff icient allows more “ long-lived”
photons to be registered and yields consequently a less negative final slope than tissue with
higher µa. The reduced scattering coeff icient primarily affects the temporal behaviour of the
peak reflectance/transmittance value measured following each pulse. Scattering increases
the effective path length in the tissue and the time. This means that less rapid photons are
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recorded with higher effective scattering and the peak value of the time-resolved
reflectance/transmittance curve is shifted to longer recording times. By analysing the shape
of the temporal curves, using an analytical expression for the temporal dependence derived
from the diffusion approximation,64 the two optical properties can be determined.
Comparison with measurements on tissue phantoms of known optical properties have shown
that the errors are essentially in the order of or less than 10%.65,67,71 Alternatively, fitting
procedures based on data obtained from time-resolved Monte Carlo simulations can be
employed.83,93 When evaluating the concept by performing experimental measurements of
phantoms, significantly better results were obtained, with errors less than 10% over a wider
range of optical properties, compared to when fitting the data using the diffusion
approximation.83 Thus, this technique allows the determination of the optical 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, associated with a certain phase velocity and
wavelength. Depending on the absorption and scattering properties in the tissue, the phase
of this wave is shifted and its amplitude relative to the average level, also called the
amplitude modulation, is to various degrees decreased. This is ill ustrated in Figure 6.2c. A
Fourier transformation of the time-resolved diffusion theory formula, yields analytical
expressions for the relationships between both the phase shift and modulation on one hand
and the absorption and reduced scattering coeff icient on the other. It can be shown that a
decreasing absorption coeff icient, or increasing effective scattering coeff icient results in a
larger phase shift and a weaker modulation,136-138 at constant source-detector distance and
modulation frequency. After measuring the phase shift and modulation versus the
modulation frequency, expressions derived from the diffusion theory can be used to
determine absolute values,136,138-140 or relative changes,12 of the two optical properties µs′
and µa. Measurements on intralipid phantoms by Madsen et al.140 showed reasonable
agreement between measured values and reference data, as long as not too high modulation
frequencies were required in order to obtain good dynamics in the frequency dependent
phase shift and modulation curves. This sets an upper limit for the absorption coeff icients
determined. The absorption coeff icient of the phantom was relatively low, in the order of
0.01 mm-1, resulting in an average deviation from the reference value of approximately 15%
and for the reduced scattering coeff icient an average deviation close to 5%. The
measurement procedure requires a large number of sequential measurements, while varying
the modulation frequency. Alternatively, the measurements can be conducted in the time-
domain by recording the time-dispersion curve of one short light pulse, which has
propagated through the tissue. Fourier transformation of the pulse yields a broad spectrum
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.141 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 optical properties have been described, some of
which are rather specialised. Pulsed photothermal radiometry is an optothermal technique
based on measurements of one of the secondary phenomena associated with light
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absorption, i.e. of the resultant increase in temperature. The time dependence of the infrared
emission following an incident light pulse is monitored and a fitting algorithm based on an
analytical expression derived from the diffusion approximation can be used to deduce the
absorption and reduced scattering coeff icients with an accuracy ranging between 10-15%.142

The coherent backscattering technique based on the constructive interference of the
incident and backscattered waves, can be used to determine the two optical parameters. This
results in a coherent peak, with an angular width inversely proportional to the mean free
path in the tissue, i.e. the reciprocal of the total interaction coeff icient 1/µt. Curve-fitting to
an existing theoretical expression, or Monte Carlo simulated data for the angular
distribution of the coherent peak, provides a reduced scattering coeff icient with a
reasonably good accuracy for highly scattering tissue.143,144 However, too high absorption
coeff icients are invariably estimated. Low-coherence reflectometry can be thought of as a
technique which determines the intensity of the backscattered light at a certain depth in the
tissue, without performing any direct measurements by inserting optical fibres. This light 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 specific depth within the tissue. By moving the reference mirror,
different tissue depths are probed. The total interaction and backscattering coeff icients can
be measured with a discrepancy, estimated from phantom measurements, of less than
10%.145 Laser-Doppler flowmetry is a technique where the power spectra of Doppler shifts
(number of registered photons versus their frequency shift) are obtained from suspensions
of moving particles. These spectra contain information on the total interaction coeff icient
and the g-factor. For instance, a large g-factor results in a decrease in the number of photons
with large frequency shifts. This is because the Doppler shifts obtained are proportional to
sine of half the scattering angle, which is small for large g-factors. The two optical
scattering parameters can be quantified by fitting Monte Carlo simulated laser Doppler
spectra to that obtained experimentally.30 Finally, the diffuse backscattering of linearly
polarised light technique yields patterns with characteristic radial and azimuthal variations,
which depend on the scattering coefficient and the g-factor of the suspension studied.15

6.3 The integrating sphere method - a three parameter technique

A complete set of optical properties (µs, µa, g) can be determined by utili sing an
integrating sphere arrangement. This technique enables local measurements on thin and
small ti ssue samples, which is not possible with the other techniques previously referred to,
i.e. the optical properties of not only individual tissue structures but also small organs (such
as rat livers in connection 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 physiological conditions (blood flow, metabolism,
oxygenation saturation, degradation products etc.) differ from those of tissue in vivo.
Moreover, the sample preparation induces changes in the tissue, these include
dehydration.73 In order to probe realistic optical properties, care must be taken when
preparing the samples and measurements must be exclusively performed on fresh samples.

The integrating sphere approach is essentially a two-parameter method, where total/diffuse
transmittance through and diffuse reflectance from a thin tissue sample (usually with a
thickness of 0.1-1 mm) are measured by collecting the corresponding light flux within an
integrating sphere. The transmittance is probed by mounting the sample at the entrance port
of the sphere, facing the light source, and the reflectance is measured by placing the sample
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at the rear exit port of the sphere, as shown in Figure 6.3a and b, respectively. 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 possible since the inner sphere surface is covered with
highly reflecting barium sulphate, yielding a Lambertian distribution of the reflected light,
i.e. with equal radiance L  [W m-2 st-1] in all directions. Due to the spherical geometry, this
means that the reflected power [W] is homogeneously distributed over the entire inner
surface of the sphere. Thus, the power registered by the detector is proportional to the total
reflected/transmitted power with a proportionality factor equal to the detector area divided
by the total sphere area. By combining the sample measurements with reference results
using a barium sulphate plug of known reflectance in the exit port of the sphere, the ratio of
the two measured powers is essentially equal to the reflectance or transmittance. A more
rigorous analysis can be carried out, employing fundamental integrating sphere theory based
on the multiple reflectance in a cavity.146,147

The sphere results are regularly combined with a third measurement utili sing a one-
component technique, in order to extract all three optical properties. A goniometric set up
has been used148 to separately measure the g-factor. However,
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Detector port

Sampl e

Entrance port
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Figure 6.3 The configuration used when measuring a) the total transmittance and b) the
diffuse reflectance with an integrating sphere. Alternatively, the diffuse transmittance can
be measured by letting the colli mated light passing straight through the sample, mounted
as in a), escape out of the exit port at the rear of the sphere. The specular reflection, i.e. the
Fresnel reflection originating from the surface and thus the difference in refractive index of
the sample and the surrounding medium, is not probed in the reflectance measurement but
escapes the sphere through the entrance port.

the most common procedure is to perform a narrow-beam measurement on a thin tissue
sample and apply the Beer-Lambert’s law, in order to derive the total interaction coeff icient,
µt=µs+µa, (see Eq. 4.25). Thus, the two scattering parameters, the g-factor and the scattering
coeff icient, incorporated in the reduced scattering coeff icient can be isolated. The measured
parameters (reflectance, transmittance and µt) are used as input variables for any of the
models and methods described in Chapters 4 and 5, in order to derive the corresponding
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 detector surfaces,
we are not detecting the total reflected/transmitted power. This would be of no concern, if
the losses for the sample measurements were equal to those of the reference, since we are
concerned with the ratio. Unfortunately, this is not quite the situation, owing to the
differences in the angular distribution and quantity of reflected light in the first reflection
event from the Lambertian reflectance of the barium sulphate plug compared to the more
forward scattering tissue sample. Correction factors to compensate for these differences
have thus been derived.149-151 It has been shown151 that the compensation factor for a single
sphere, with a sample area of approximately 0.35% of the total sphere area, as in our case
(Paper I and Paper II ), is close to unity (in the order of 1.05) and can therefore be neglected
irrespective of sample reflectance and angular distribution of the reflected light flux. This
was confirmed by Monte Carlo simulations of the 1 mm thick samples used (Paper I and
Paper II ), which found they approximated to Lambertian reflected light fluxes. Moreover,
calibration measurements on standard plugs of known reflectance have been performed,
showing small deviations in the order of ±1%. Thus, this seems 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 (reflectance and transmittance)
to the inverse spline Monte Carlo program corresponds to a deviation in the order of 0.5-3%
in the optical absorption and scattering properties. A larger relative sample area, such as
that of the spheres used in Paper III  and Paper IV (in the order of 1%), yields significantly
higher compensation factors (>1.1) dependent on the reflectance of the sample.151 The
compensation factor has been taken into account partly due to this, but because two spheres
were employed in a so-called double 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 careful compensation computations for reasonable accuracy,
more or less irrespective of the size of the relative sample area. However, the use of
compensation factors does not necessarily guarantee accurate results. One must also
consider the assumptions being made in order to derive the compensation factors. For
instance, accurate compensation can be obtained utili sing the compensation factors derived
by Pickering et al.,149,150 provided the angular distributions of the transmitted and reflected
light from the sample are similar to a Lambertian light flux. This requires optically thick
samples of low forward scattering. A compensation is thus needed for non-Lambertian
behaviour in conjunction with optically thin samples, when the relative sample and
exit/entrance port area of the sphere/spheres is large, and also always for a double-sphere
arrangement (larger effect due to the interaction of the light flux in the two spheres). Since
such a compensation would have been necessary for the measurements on the forward-
scattering blood in Paper IV, in order to attain reasonable accuracy, no absolute values of
the complete set of optical properties were presented. The reported lack of compensation of
the non-Lambertian behaviour can probably partly explain the reported dependence of the
derived optical properties on the sample thickness when using an integrating sphere set-
up.35

The Monte Carlo computations incorporating lateral boundary conditions reveals that too
small samples can also violate the accuracy of the sphere measurements. They should be in
the order of 2×2 cm and cover the entire sample port of the sphere. Furthermore, Torres et
al.152 have pointed out the importance of having a large port-to-beam diameter ratio, in
order to not to overestimate the absorption coeff icient due to lateral losses. Large beams,
with dimensions in the order of 0.5-1 cm, generated by several common lamps and
spectrometers should therefore not be used directly for integrating sphere measurements.
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This was avoided in Paper I and Paper II  by guiding the light along an optical fibre from the
light source (a Xe-lamp) to the sample mounted on the integrating sphere and in Paper III
and Paper IV by the use of a laser as a light source. This resulted in a precise, circular beam
with dimensions of a couple of milli metres, compared to the 2.5 cm large diameter of the
entrance and exit ports.

The optical properties are derived not only by employing the Monte Carlo approach, but by
any of the previously discussed theoretical models. Some models are less appropriate than
others, due to the thin geometry of the tissue; for instance those assuming completely
diffuse light scattering, as the Kubelka-Munk method, or the diffusion approximation. An
alternative procedure in order to satisfy the assumptions used in these models, is to employ
a diffuse light source.59,60 Instead of guiding the colli mated probe beam directly onto the
sample, it can be focused onto the sphere surface, yielding Lambertian reflected 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
all three optical properties, is usually arranged separately from the single74,78,153,154 or
double31,59,60 sphere set-up. This is done partly for practical reasons, but also bacause
measurements employing an integrating sphere using larger relative sample and
entrance/exit port area, requires optically thicker samples to obtain reasonable accuracy, in
contrast to the thin samples preferred for the narrow-beam measurements. As discussed
earlier, optically thick samples yield Lambertian reflected and transmitted light distributions
in the sphere/spheres are necessary to minimise the discrepancies in actual li ght losses
compared to those accounted for.

The narrow-beam measurement can be performed on optically thicker tissue samples as
well , but this requires careful separation of all the scattered light from the small fraction that
passes straight through the sample without interacting with the tissue. The error increases
linearly with sample thickness and scattering coeff icient, quadratically with the collection
angle of the detector, and is inversely quadratically proportional to (1-g) and to the
refractive index of the sample.155 For optically thick samples, one is also limited by the
dynamic range of the detection system. The measurements include recording the
unattenuated beam (reference measurement), as well as that passing through the tissue. The
limitations posed by the dynamic range in the detection can partly be overcome by using
calibrated neutral density filters in the light path for the reference measurement, as
performed in this work (Papers I, II , and IV). Moreover, the noise level originating from the
scattered light can be suppressed by placing two polarising filters with parallel polarisation
axes before and after the sample respectively.78,154  Thus, the range of optical thickness of
the tissue sample, for which narrow-beam measurements are undertaken with reasonable
accuracy, can be increased.

The narrow-beam error is not only influenced by the parameters discussed earlier (sample
thickness, light collection angle of the detection, refractive index and the scattering
properties of the sample), but also on something so trivial as the abilit y to measure the
thickness of the sample, an important parameter in Beer-Lambert's law (see Eq. 4.24). This
measurement must be performed with an error in the order of, or less than five percent, so as
not to be the dominating error source. For a 0.1 mm thick sample this means that an error of
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±5 µm can be tolerated, compared to 0.05 mm for a 1 mm thick sample. The latter
measurement accuracy can be obtained using an ordinary pair of calli pers, thus favouring
the use of thicker samples.

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

The possibilit y of performing narrow-beam measurements on optically thick samples under
previously mentioned premises, has motivated the incorporation of a narrow-beam
arrangement within the integrating sphere set-up. This is realised by allowing the colli mated
part of the transmitted light to escape through the rear exit port of the sphere when
measuring the transmittance, now the diffuse transmittance rather than the total.62,76,77,81,156

A double integrating sphere set up, incorporated with a narrow-beam assembly, provides an
elegant technique of simultaneously monitoring changes of all three optical properties. This
technique was consequently chosen when heat-induced changes in the optical properties of
blood were studied as a function of slowly increased temperature, as presented in Paper IV.
Unfortunately, the narrow-beam measurement had to be excluded when the changes in the
optical properties during pulsed heating were studied in Paper III , since it was not possible
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 optical properties, enabling analysis of dynamic phenomena, must
be paid with less accuracy, compared to with that for the measurements performed without
the narrow-beam 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
accuracy requires elaborate compensation procedures, associated with larger uncertainty in
the results.150 Another reason is that the correction model used does not fully account for the
light losses in the exit port of the sphere, when the transmitted light is collected. This occurs
when Lambertian light distribution is assumed,149,150 due to the forwardly directed nature of
light propagation in tissue, especially for blood, as previously 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 an initially 14 ps long pulse, propagating through a 1 mm thick
suspension of polystyrene spheres versus the scattering coefficient of the sample.

measurements performed with unmounted and mounted samples on an integrating sphere. In
order to better estimate the influence of unwanted scattered 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 792 nm. The light passing through a 1 mm thick sample (total
thickness: 3 mm including two surrounding glass plates) was detected by a streak camera
with a slit width of 20 µm 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 µm) suspensions of various concentrations in water. These were used in
order to vary the scattering coeff icient. Ideally, the broadening of the pulse with increasing
scattering coeff icient should be the same for measurements carried out, both without the
integrating sphere and when the sample is mounted on the sphere. However, this was not the
case, as shown in Figure 6.4. The expected broadening of the pulse is observed for both
measurement series with larger scattering coeff icients due to the increased optical thickness.
However, a substantial broadening is already observed at lower scattering coeff icients,
when the sample is mounted on the sphere in contrast to when the narrow-beam set-up is
used without the integrating sphere. This indicates that there is a significant influence of the
scattering from the sphere on the narrow-beam measurement, despite the small detection
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 optical properties, as performed in Paper IV, rather than absolute values.
Hence, when static phenomena are studied, it is advisable to do the narrow-beam
measurement separately from the integrating sphere set up in order to gain better accuracy.
Since the sphere measurements result in transmittance and reflectance data of good
accuracy, as long as a compensation algorithm and/or calibration routine is used, the
accuracy of the three derived optical properties is to a large extent determined by the
narrow-beam measurement. Pickering et al.150 have estimated that an error of the derived
optical properties in the order of 5% can be achieved, 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 t issue and their
relationship to the optical properties

The optical parameters, used to describe light transport in tissue, translate averaged
physiological and morphological microscopic properties of tissue into the language of
optics. Consequently, we can interpret the information given by the measured optical
properties in terms of the underlying morphological and physiological state of a tissue in an
averaged sense. This is an interesting aspect, since the insight gained can in turn be used to
assess the state of health and condition related to both functional and structural
modifications of tissues. Disorders are often accompanied by an altered cell metabolism,
changes in normal composition of solutes and biomolecules, modified DNA and
mitochondrial content of the cells, alterations in the shape of cells and organelles, as well as
by changes in entire tissue structures due to fibrosis and incorporation of extraneous
biomolecules, etc.. These alterations have a characteristic and varied impact on the tissue
absorption and scattering properties. Thus, basic knowledge of the microscopic features
underlying the macroscopic optical properties is of great advantage in tissue optics.

7.1 Microscopic features and light absorption

Light absorption at molecular level is perhaps a process where light exhibits its particle
characteristics most directly. When a photon impinges on a molecule in the ground state,
with an excited state of precisely corresponding energy to that of the photon, then its energy
can be resonantly transferred to the absorbing molecule. The excited state could be an
electronic level, whose characteristic energy is determined by the atomic and electron
configurations in the molecule. It could also be vibrational or rotational levels, where the
energy is mainly determined by the three-dimensional positions of the atomic assembly, and
its quantised vibrational/rotational characteristics. Molecules are not long lived in their
excited states and the absorbed light energy can be transferred to: fluorescence photons,
heat, phosphorescence, or neighbouring molecules possibly inducing chemical reactions.
The different de-activation paths are schematically depicted by energy level diagrams in
Figure 7.1. In a wider perspective, the light absorption essentially depends on the type of
absorbing molecules (also referred to as chromophores), on their internal configuration, as
well as on their concentration and geometrical distribution within the tissue. These
parameters will be discussed and exempli fied in this section, starting with a survey of
important absorbing molecules in tissue.
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Figure 7.1 Possible pathways following light absorption are schematically represented by
energy level diagrams.

7.1.1 Light absorbing molecules in tissue

Typical absorbing molecules in tissue, which require high photon energies for excitation,
are DNA, proteins, and water. Due to the high concentration of these molecules in tissue,
light in the ultra violet (UV) spectral region with wavelengths lower than 400 nm are
strongly absorbed. The penetration depth, defined as [µa + (1-g)µs]

-1 based on the diffusion
approximation, is estimated to be in the order of 10-100 µm,35 which is comparable to the
lateral extension of a red blood cell (7.82 µm)126 and to the thickness of epidermis
(100 µm).157

Far greater light penetration, in the order of 0.2-1 mm,35 is obtained when increasing the
wavelength to the visible range (400-700 nm). 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 wavelength (data obtained from
Verkruysse158 and Wray et al.159).

here are organometalli c molecules, i.e. proteins with a prosthetic group containing a
metalli c atom. Examples of organometalli c molecules are cytochromes in for instance the
mitochondria, haemoglobins in the red blood cells, and myoglobin in muscle tissue. Other
characteristic chromophores important in the visible spectral range are melanin in the
epidermis, the two degradation products of haemoglobin: bili rubin and haemosiderin, and
carotenes in fatty tissue. A high correlation at visible wavelengths has been found for the
haemoglobin/myoglobin, as well as mitochondrial content in tissue with its absorption
coeff icient.113,120 For instance, the absorption coeff icient of white adipose tissue (fat) and
mammary adenocarcinoma (tumour tissue) can be attributed entirely to the haemoglobin
content.120 Moreover, 50% of the absorption in blood-free liver tissue, of cells with high
mitochondrial content (22% of the total cell volume), can be attributed to the mitochondrial
cytochrome oxidase, and the remaining 50% to haemoglobin.113 These measurements were
performed at 780 nm, where the absorption coeff icient of haemoglobin is comparatively
weak (approximately 0.6 mm-1 for a haemoglobin concentration of 8.4 mM, typical in
blood). The total predominance of haemoglobin absorption on the absorption coeff icients of
tissue for shorter wavelengths is indicated by the absorption spectra shown in Figure 7.2.
However, since tissue includes only a small volume fraction of blood, the general li ght
absorption in the visible spectral region is still clearly weaker than that in the UV region.

The average tissue absorption continues to decrease in the near infrared (NIR) region (the
spectral range of approximately 700-2500 nm) and the light penetration
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Figure 7.3 A water absorption spectrum is shown on a logarithmic scale in terms of the
extinction coefficient (proportional to the absorption coefficient). Data is obtained from
Hale and Querry165.

consequently increases, with a maximum of one to a few milli metres35 in a wavelength
range of 700-1300 nm, called the tissue optical window. At longer wavelengths, the
absorption rapidly increases again, mainly due to combinational vibrational overtone
transitions of the water molecules. The most prominent water absorption bands can be
found at 0.76, 0.97, 1.19, 1.45 and 1.94 µm.160 The section 1.0-2.5 µm of the NIR region
also containes characteristic but weak combinational and overtone vibrational bands for O-
H, C-H and N-H bonds generally present in most biomolecules. Typical transmission and
reflection spectra of cholesterol, collagen and elastin, showing interesting spectral features,
are presented in Paper VII . Furthermore, with a rigorous calibration routine, the weak
spectral information in this wavelength region can be extracted to determine cholesterol,161

albumin, globulin and urea162 concentrations in human serum. The wavelength segment 2.0-
2.3 µm has been shown to contain particularly useful information,162 for instance for the
characterisation of cardiovascular tissue as described in Paper VII . Fortunately, the light
penetration depth in tissue is quite large (approximately 300-400 µm)35 due to a dip in the
absorption coeff icient of water in this wavelength segment, compared to that at slightly
shorter and longer wavelengths in the NIR region (150 µm at λ=2.0 µm).35

At even longer wavelengths, the mid-IR range (2.5-10 µm), the absorption characteristics
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 biomolecules.
Absorption spectroscopy in this wavelength range, has thus become a standardised
instrument for biochemical analysis of tissue samples.163 For instance, glucose shows
numerous spectral fingerprints between
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Figure 7.4 Absorption spectra of blood with different concentrations of oxy-haemoglobin
(data obtained from Wray et al.159).

2.5-11 µm.164 However, since conventional optical fibres do not transmit li ght eff iciently in
this spectral range and tissue exhibits extremely low light penetration depths (1-20 µm),35

mid-IR spectroscopy is not therefore a realistic option for in vivo measurements in the
clinics.

The presence of chromophores are crucial for tissue to absorb light, as is the relative
concentration of each absorber. The general spectral shape of the overall absorption
coeff icient of tissue is essentially determined by the strong absorption characteristics of
water, in both the UV and IR regions as shown in Figure 7.3. This is not unexpected, since
the water content of tissue can be as high as 57% by weight.166 Whole blood, normally
containing 7.5-9.8 mM haemoglobin, has a significantly higher absorption coeff icient in the
visible wavelength region than water. It is also the main absorber of visible light in tissue in
general, but not as dominating as one could believe from Figure 7.2, which shows a peak
value of the absorption coeff icient of several hundreds 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.

Changes in the absorber concentration and the absorption coeff icient are linearly related. An
increase in the absorber concentration can therefore be monitored by an increase in the
characteristic absorption bands. This is ill ustrated in Figure 7.4, where the absorption
behaviour of three concentrations of oxyhaemoglobin, close to the normal range of whole
blood, are presented. Despite small relative changes in the absorber concentration, they are
often clearly apparent in optical transmission measurement due to the exponential
relationship between the colli mated transmission and the absorption coeff icient (Beer-
Lambert's law Eq. 4.24). This provides a sensitive tool not only for qualitative but also
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Figure 7.5 Absorption spectra of haemoglobin with different degrees of oxygenation (data
obtained from Verkruysse158 and Wray et al.159).

quantitative analysis of distinctive absorbers in tissue, which can be used for
characterisation. For instance, the weak vibration absorption bands of cholesterol, collagen
and elastin in the NIR spectral range can be used for characterisation of cardiovascular
tissue based on transmission or reflection measurements, as shown in Paper VII.

7.1.2 Configurational factors influencing the absorption coefficient

From the previous section we can conclude that the absorption coeff icient of tissue is highly
dependent on the wavelength, yielding a spectral shape governed by the tissue constituents
and their concentrations. However, there are additional factors influencing the absorption
coefficient.

Small configurational changes in the absorbing molecules have a strong impact on the
absorption coeff icient. This can be induced by for instance changes in temperature and in
the tissue osmotic balance, the latter being governed by various solutes. Another example of
conformational changes is when an oxygen molecule is bound to the haemoglobin molecule
to form oxyhaemoglobin. It affects the entire three-dimensional structure of the
haemoglobin molecule, inducing decreased absorption probabilit y at particular photon
energies (i.e. wavelengths) and increased at others. These changes are clearly shown in
Figure 7.2 and Figure 7.5 for different concentrations of oxy- and deoxyhaemoglobin. The
maximum in the absorption peak of deoxyhaemoglobin is shifted to shorter wavelengths (to
418 nm) on being oxygenated and two peaks (at 542 and 577 nm) are formed from the
single absorption peak at approximately 560 nm (see Figure 7.2 and Figure 7.5).
Furthermore, the peak centred at approximately 758 nm, originating from
deoxyhaemoglobin, is reduced at higher concentrations of oxyhaemoglobin, as can be seen
in Figure 7.5.
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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.

Finally, the geometrical distribution of the absorbers in tissue influences the effective
absorption coeff icient. A homogeneous distribution of the absorber results in a higher
effective absorption coeff icient compared to when the absorbing molecules are enclosed
within discrete volume elements, due to shielding. When enclosed, only the outermost
absorbing molecules of each element are apparent to the light, whereas the innermost
absorbers are shielded by the surroundings. This means that only a fraction of the absorbing
molecules are active, yielding a lower effective light absorption. Verkruysse et al.87 have for
instance shown that this phenomenon is significant in relation to the distribution of
haemoglobin as absorber in different vessel geometries. A homogeneous distribution of a
certain concentration of haemoglobin yields higher effective light absorption than when the
same quantity is enclosed within vessels.

7.2 Microscopic features and light scattering

The photon characteristics of light can also be applied to light scattering. The important
elastic and Raman scattering phenomena are represented by energy level diagrams in Figure
7.6. The scattering event is then treated on molecular level. This can be depicted as an
excitation process followed by a prompt de-excitation to either the initial state of the
molecule (elastic scattering) or to a higher/lower laying level causing a net change in the
potential energy of the molecule (Raman scattering). When the electromagnetic wave model
of light is used, light scattering is instead treated as a phenomenon originating from spatial
variations in the moderately wavelength dependent refractive index. This is perceived at
various size levels, ranging from boundaries of organs, layers with different types of cells or
structural components, to sub-cellular constituents, such as the cell membrane, organelles,
cytoplasm, and the extracellular fluid, as illustrated in Figure 7.7.
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Figure 7.7 Different contributors to the light scattering in tissue, from (a) Fresnel
reflection in macroscopic organ boundaries and (b) tissue layers/cell structures to
microscopic (c) cellular and (d) sub-cellular components, are illustrated.

Important parameters are for instance the average shape and size of the scattering objects
relative to the wavelength. Radiative transport theory is too unprecise a tool to theoretically
investigate and interpret light scattering from microscopic tissue components. Instead,
fundamental electromagnetic theory is almost exclusively used to provide detailed
information on the influence of microstructural parameters of the scattering object on the
resultant scattering characteristics.

7.2.1 Light scattering structures in tissue

Fresnel reflection at a surface of an organ, as ill ustrated in Figure 7.7a, can be thought of as
a macroscopic scattering which is dependent on the direction of the incoming light relative
to the normal of the tissue surface, as well as on the refractive indices of both the
surrounding medium and the organ tissue. The refractive indices of a number of tissues have
been measured and found to range from 1.38 to 1.41 at 632.8 nm. A slight dispersion (i.e.
dependence of the wavelength) is indicated by the decrease in the refractive index over the
wavelength range 390-710 nm of the order of 2-4%.167

Refractive indices of this order of magnitude result, at small to intermediate incidence
angles, in a Fresnel reflection in the order of a few of percent for an air-tissue interface and
less than one percent for a water-tissue interface. It is thus a scattering phenomenon of
apparently low significance. However, with several adjacent tissue/cell l ayers, or repeated
structures with slightly different refractive indices within the organ as depicted in Figure
7.7b, the total effect can be considerable.
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Variations in refractive index over a smaller scale than that of organs and tissue layers, can
also be shown to influence the light propagation within tissue. The small differences in
effective refractive indices of the extracellular fluid and entire cells, when the cells are seen
as homogeneous particles, have a larger collective impact on the light scattering than that
indicated by the magnitudes of the relative refractive indices. This scattering behaviour is
ill ustrated in Figure 7.7c. The ratios of the cellular and extracellular refractive indices are
close to unity, for example 1.045 for a red blood cell i n blood plasma. There is however
significant scattering due to the large number of cells. Important features influencing this
ratio are low-molecular solutes, such as electrolytes, alcohols and also glucose, fructose and
other sugars. Kohl et al.10,12 have shown that the presence of glucose in an aqueous
suspension of polystyrene spheres, increases the total refractive index of the suspension
with increasing concentration of glucose, resulting in a decrease in the relative refractive
index.  This results in a decrease in the scattering coeff icient and an increase in the g-factor,
which was confirmed by Mie theory computations10,12,168. Chance et al.169 have shown a
corresponding decrease in the effective scattering coeff icient for different kinds of sugars
(including glucose), electrolytes and alcohols in lipid vesicle- (Intralipid) and cell -
suspensions, as well as in liver tissue.

The cell mainly contains an aqueous solution of electrolytes and proteins, the cytoplasm,
with an effective refractive index of approximately 1.38,96 while the cell membrane and cell
organelles are composed of phospholipid layers and proteins with refractive indices in the
range of 1.43-1.51.96,114 However, since the fraction of these higher refractive index
components is rather small , i.e. in the order of 5%,96 the effective cellular refractive index
can be estimated to approximately 1.40.96 When studying the spatial variations in the
refractive index over a microscopic scale such as the inside of a cell using a phase
microscope, it is found that the cell membrane and the nucleus are the components which
are the dominant contributions to the cellular effective refractive index;96 these are far more
important than for example the mitochondria. However, this does not mean that the
membrane and the nucleus are the main scatterers in tissue. Apart from the refractive index,
parameters such as structure, size and concentration of the scattering object must also be
taken into account. For instance, the cell membrane has a thickness of only 5-10 nm and
thus has a relatively insignificant effect on the total li ght scattering from the cell ,110,111

despite its high refractive index. Instead, a high correlation between the reduced scattering
coeff icient and the mitochondrial content has been found.120 Tissues of high mitochondrial
content exhibit high µs’-coeff icients. Light scattering from tissues with high concentrations
of

Table 7.1 Cell components and their corresponding properties of importance for the
evaluation of light scattering, as well as their individual contribution to the total cellular
light scattering.

Cell
component

Refractive
index

Size Concen-
tration

Membrane
structure

Scattering
efficiency

References

Membrane high thin low low low 96,110,111

Nucleus high large low low low 96,120

Mito-
chondrion

low small high high high 96,113,120
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Lipid vesicle high small high in
fatty tissue

low high (when
present)

120,121

Endo-
plasmic

reticulum

low small depends on
cell type

very high ? 96

mitochondria, such as liver tissue, can to a large extent (but far from completely) be
attributed to this organelle, despite its low refractive index. This can be mainly attributed to
the large volume fraction (22%) in the hepatocyte,113,120 but possibly also to its internal
structure with a high (20-40%) membrane content which facilit ates light scattering.96 A
layered structure is, as previously discussed, a more eff icient scatterer than a corresponding
homogeneous object. When the internal structure of a scattering object is less homogeneous,
it causes increased large-angle scattering and decreased small -angle scattering.108,170 This
argument can, beside the low particle concentration, also partly explain the low effective
scattering of the nucleus. Despite its high refractive index, a low correlation between the
reduced scattering coeff icient and the tissue DNA content is found.120 The low volume
fraction of membrane structures in the nucleus (0.2-0.7%)96 is probably an explanation for
this. Thus, it would be interesting to investigate the contribution to the cellular light
scattering by the organelle endoplasmic reticulum, as the volume fraction is as high as 50-
60%.96 Moreover, lipid droplets inside the cells of adipose tissue (fatty tissue) have been
shown to be a major contributor to the cellular scattering, due to their high refractive index
and high volume fraction (88%) in the cell .120 The strong scattering characteristics of lipid
particles is further confirmed by the high correlation found between the lipid content of
liver tissue and the reduced scattering coeff icient,121 when the influence of the
mitochondrial content has been compensated for. However, these measurements were
performed in vitro. This is important to note, since the lipid droplets solidify, affecting the
scattering properties, when the tissue temperature is reduced from normal to for instance
room temperature. Results from time-resolved measurements performed by Berg51 on fatty
porcine tissue indicate an increase in the reduced scattering coeff icient when the tissue
temperature was lowered from 37°C to 15°C. A summary of the contributions of the
different cell components to the cellular light scattering discussed above is presented in
Table 7.1. In addition, Rayleigh scattering from macromolecules, such as haemoglobin and
albumin, suspended in the extracellular fluid and/or the cytoplasm contribute to the
scattering behaviour.117

7.2.2 Configurational factors influencing the scattering properties

Configurational alterations in cell clusters, cells, organelles and macromolecules have a
significant impact on the scattering properties of tissue. It can be induced by various
changes in normal physiological parameters, such as temperature, local concentration of
electrolytes, oxygenation saturation, etc., as can be observed as a consequence of for
instance disorders in the tissue, treatment response and tissue deterioration post mortem.
This is discussed further in Chapters 8 and 9. In order to improve the understanding of the
effect of these configurational alterations on the scattering properties, theoretical studies
should be helpful.
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Detailed theoretical information on the light scattering from specific cells and their
organelles can be obtained by utili sing the various methods based on electromagnetic
theory, as described in Chapter 4.3. For instance, the red blood cell (RBC) is often
modelled as a homogeneous sphere employing Mie theory computations.9 Despite the
discrepancy between actual and modelled cell shapes, the theoretical results show good
agreement with experimental results from diluted blood samples, probably owing to the
random orientation of the cells in the non-flowing samples, used for the measurements. The
assumption of a homogeneous cell i s also satisfactory, since the red blood cell i s composed
of a cell membrane and a cytoplasm containing haemoglobin molecules but basically no
organelles. The cell membrane has, as discussed above, a minor influence on the light
scattering. It is thus reasonable to incorporate its contributions via the effective refractive
index of the entire cell , which again is confirmed by the good correspondence between Mie
theoretical and experimental results.9

Mie computations can also be employed in order to investigate the influence of the size of
the scattering object, as well as of particle volume changes on the light scattering.108,109 The
general results from such computations show that small scatterers, compared to the
wavelength, yield essentially isotropic scattering, whereas particles of greater size, the
scattering is of a more pronounced anisotropic character. This has also been confirmed by
experimental results from measurements on red blood cells.171 Moreover, the scattering
cross section increases with particle volume. Increased cell size, which occurs due to for
instance osmosis, thus increases the forward scattering and also the scattering probabilit y.
From these computations it is clear that the anisotropy factor, g, is strongly dependent on
the average size of the main scatterer in the tissue and can in fact be used to derive a so
called Mie equivalent average radius from measured g-factors, as was shown in Paper II
utili sing a spherical-particle model. For instance, the measured g-factor of blood is close to
unity in the visible wavelength range (approximately 0.99) and corresponds to a large
scattering object with a size comparable to the red blood cell . Thus, the main scatterer in
blood is the entire red blood cell . Performing the same estimates from measured g-factors of
liver tissue, reveals a scattering particle with a Mie equivalent average radius comparable to
a mitochondrion (see Paper II ). This corresponds closely with the high mitochondrial
content in liver tissue and its dominating influence on the scattering properties,113,120 as
discussed previously. Mie computations utili sing a cylindrical-particle model can also be
applied, in order to investigate the influence of the size of an elongated scattering object
such as collagen fibres, a structural intercellular substance in skin, on the light scattering.79

Correspondingly, thin (compared to the wavelength) fibres yield scattering with isotropic
character, whereas an enlargement, as observed for example with the gestational maturity of
collagen fibres in neonatal skin, increases the anisotropy and the scattering cross section.
This has also been confirmed for cylindrical organelles in retinal nerve fibres.114

Although the contributions to the total cellular scattering from the nucleus are relatively
small , changes in its size and refractive index influences the angular distribution of the
scattered light. Rayleigh-Gans-Debye (RGD) computations of a layered sphere model, with
a particle size in the order of a lymphocyte, reveals that an increased nucleus diameter, at
constant total cell size, increases the forward scattering. This is confirmed by results
obtained from Finite-Difference Time-Domain (FDTD) computations.170 However, a
decrease in refractive index of either the nucleus, or the surrounding cytoplasm causes a
decrease in the forward scattering.172  This provides the means to extract information on
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nuclear size and shape by measurements of the scattering distribution,173 which is of
importance in conjunction with for example cancer detection.

Changes in shape of the scattering object also influences the angular distribution of the
scattering. This was evaluated in Paper V by performing T-matrix computations utili sing a
spheroidal model with a particle volume equal to that of a red blood cell . In general,
particles with pronounced aspherical shape, exhibit asymmetric scattering, resulting in for
example an elli ptical angular scattering distribution, as confirmed experimentally by Burger
et al..173 The transformation of a disc shaped into a spherical cell , as well as the elongation
of prolate shaped cells were shown in Paper V to, on average, decrease the anisotropy at
constant cell volume. The former small but distinct decrease in the g-factor found when the
disc shaped red blood cells become spherical heating, see Paper IV. A summary of the
morphological changes discussed here are presented in Table 7.2.

This survey indicates that the light scattering from individual cells is highly dependent on
the cell morphology and that electromagnetic 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
factor

Scattering cross section Computation
method

increase increase Mie9,108,109

increase increase Mie,79 RGD114

decrease
dependent on the relationship
between the internal structure

and the total particle
shape/size

Modified
anomalous

diffraction,108

FDTD170

increase not evaluated Modified RGD,172

FDTD170

decrease not evaluated Modified RGD172

decrease not evaluated Modified RGD172

decrease decrease T-matrix
(Paper V)

decrease decrease T-matrix
(Paper V)
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studies on the angular distribution of the scattering,26,31 as described in Paper V, often
reveal significant discrepancies compared to the Henyey-Greenstein (H-G) phase function,
normally used to describe the angular distribution of a single scattering event in transport
theory. The H-G function exhibits larger side and back scattering at high g-factors, than
given by scattering computations based on electromagnetic theory for the same value of the
g-factor. Whether this disagreement is due to erroneous assumptions made in the
electromagnetic theory model used, or to the empirical character of the H-G function,
remains uncertain. It could be that the ”single scattering” event described by the H-G
function corresponds to the integral scattering from more than one cell , or to the scattering
from one cell , including collective effects from the closely surrounding cells. 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 angle. The Mie and Rayleigh-Gans phase functions were obtained from
computations utili sing the subroutines written by Bohren and Huffman94 and an analytical
expression174 for a volume equivalent sphere of a red blood cell (RBC) at 632.8 nm. The
Henyey-Greenstein phase function was computed for the g-factor 0.9939, corresponding to
the angular distribution derived from the Mie computations. Finally, a simple fit of the
Reynolds-McCormick phase function to the Mie phase function resulted in a g-factor of
0.94 and an α of 1.3.

the order of 25-60 µm, which indicates an integral scattering from several cells, organelles
and structural components. The Henyey-Greenstein function has experimentally been shown
to describe the light scattering in dermis well (to 90%)18 and it has subsequently been used
for almost all types of tissues. However, its appropriateness to describe the highly
anisotropic light scattering characterised by extremely high g-factors, as for example in
blood, has been discussed. Other phase functions have instead been applied, such as
Rayleigh-Gans and Reynolds-McCormick phase functions (the latter dependent on two
parameters, g and α), which have been found to be more compatible with experimental
results.26,28,30,31 A comparison between four different phase functions, all computed for light
scattering by a sphere with the same volume as a red blood cell , is shown in Figure 7.8. It
reveals 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 a more appropriate choice for  computations of light
scattering by blood. This is important to bear in mind, since the choice of phase function has
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been proven to have a large impact on for example Monte Carlo simulated results,
especially close to the source.25,28

The theoretically derived asymmetric scattering from cells with a highly aspherical shape,
can often be neglected when modelli ng light scattering in tissue, since this effect is often
averaged in practice by the random orientation of the cells. However, the assumption of
isotropic azimuthal li ght scattering (with constant scattering probabilit y over the azimuthal
angle ψ = 2πξ, where ξ is randomised number, see Eq. 4.41) in tissue might not be
appropriate for structurally aligned cells in tissue such as muscle tissue.22 For instance,
measurements performed on flowing blood, which induces cell alignment due to the shear
stress, have clearly shown asymmetric back scattering.175
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8. Laser-based treatment modali ties -
tissue optical aspects

The primary cause of a treatment modality employing laser light, is the transformation of
light energy into heat or chemical energy, via light absorbing endo- or exogenous
chromophores. An essential variable governing a successful outcome of the treatment is
therefore the distribution of these eff icient absorbers. They correspond to an active part of
the optical absorption coeff icient. In addition, the distribution of the radiation is an equally
essential factor, governed not only by the absorption of the molecules active in the
treatment, but also by other chromophores, as well as by the scattering of the tissue. The
treatment should of course finally destroy the diseased tissue. The treatment affects the
tissue and consequently modifies its optical properties, which in turn alters the distribution
of the light. It is thus clear that treatment modaliti es utili sing laser light are characterised by
a complex dynamic behaviour. Changes in the optical parameters have been estimated in
connection with clinical laser treatment modaliti es, such as photodynamic therapy (PDT)
and thermotherapy with both long and short time constants, as presented in Paper I to Paper
IV.

8.1 Photodynamic therapy

8.1.1 The distribution of the photoactive drug

Photodynamic therapy (PDT) is a treatment modality primarily applied to cancers. It is
based on the photochemical interaction effect and can be thought of as a light activated
chemotherapy. A photosensitive compound (for instance Photofrin) or pro-drug (for
instance δ-amino laevulinic acid - ALA) is administered to the patient, either systemically or
topically. Their photoactive agents, protoporphyrin IX (PpIX) for ALA and porphyrin
derivatives for Photofrin, are to some extent selectively accumulated into malignant tissue,
thus preparing the ground for selective tumour treatment. The selectivity for topically
applied ALA is primarily because it readily passes through only an abnormal epithelium,176

and for systemic administrated ALA and Photofrin presumably owing to characteristic
properties of tumour tissue, such as low pH due to high anaerobic glycolysis, the presence
of specific antigens and receptors177-179 and also increased vascularisation.180

The type of administration, affects the distribution of the PDT-active absorber. Topical
application, for example on the skin, or intraperitoneal administration results in a superficial
and local distribution181 and thus a correspondingly local treatment. There is then less risk
of phototoxic reactions in other organs and minimal danger of perforation of the treated
tissue in e.g. the oesophagus, bladder or uterus. In contrast, fully systemic administration
(oral or intravenous) results in a wider distribution of the photosensitiser,181 which enables
treatment of cell l ayers deeper within the tissue, but also induces a more general
photosensitisation in other organs.

Intracellularly, the mitochondrion seems to be a common location for both these sensitisers.
For instance, ALA is transformed into PpIX in the natural haem synthesis pathway
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proceeding in the mitochondria, and this occurs with greater eff iciency in many tumour
cells.176,182 Moreover, the lipophili c porphyrin derivatives are preferably stored in the
phospholipid bilayers of different membrane structures, primarily those in the
mitochondria.178,183 No observations of microscopic, cellular changes originating from the
photosensitiser itself have been reported, although van Hill egersberg et al.76 have reported
an increase in the scattering coeff icient and a decrease in the g-factor following intravenous
administration of Photofrin before irradiation. Changes in tissue structure or physiology
were postulated, although no microscopical changes could be distinguished in histological
samples. The possible influence of fluorescence from the photosensitive agents, inducing
anomalous results, was also considered. The former explanation seems rather unlikely,
considering that the increase obtained in the reduced scattering coeff icient was
approximately 30-100%, which usually corresponds to distinct alterations in the tissue
morphology, as found for instance in Paper II.

8.1.2 The light distribution

No chemical reactions occur before the irradiation starts, i.e. the photons can be considered
as reagents, where the reaction pathway is determined by the photon energy. Since there are
several possible pathways, the choice of photon energy (i.e. the wavelength of the light) is
also influenced by the optical properties of tissue. The requirements of high absorption of
the photosensitiser and low absorption of endogenous chromophores must be balanced. The
porphyrin-based sensitisers exhibit several stronger absorption bands in the region between
400-650 nm, these decreasing in strength at longer wavelengths. At first sight, better
treatment results should be obtained if light with a wavelength around 400 nm was
employed, probing the most eff icient absorption band of the sensitiser. However, light at
approximately 630-635 nm is normally used, employing a weaker absorption band, since the
penetration depth is significantly greater at longer wavelengths in the visible wavelength
region, as discussed in Chapter 7. Less eff icient light absorption by the sensitiser in a larger
tissue volume produces a better outcome, since the treatment light has a better chance to
reach peripheral neoplastic cells, thus decreasing the risk of partial treatment and
recurrence, than strong light absorption in a superficial tissue layer.

8.1.3 The photochemical reaction

When the photoactive molecules of the photosensitiser absorbs red light at 630-635 nm, the
photon energy is just enough to promote the molecules into the first excited singlet state, but
insuff icient for excitation to any higher levels. Following this first excitation path, the
molecules are transferred from the excited singlet state, via intersystem crossing - a process
involving a change in sign of electron spin - to the lowest triplet state, but still
corresponding to a higher energy than the original ground level. The relaxation to the
singlet ground state from this triplet state is an unlikely process, resulting in unusually long
(in the order of 100 µs compared to 10 ns for a singlet excited state184) li fetimes for the
excited molecules. This means that there is time enough to interact with surrounding
molecules, predominantly with oxygen, forming highly reactive singlet oxygen.177 Thus, the
excitation of photoactive molecules ultimately causes an oxidation. The outcome of the
treatment 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 molecules for the oxidation are proteins, nucleic acids and phospholipids. For
instance, inhibition of important enzymes (e.g. mitochondrial cytochrome c oxidase) by
oxidation of amino acids in their active centres and conformational changes of membrane
proteins have been suggested as important mechanisms for cell death by PDT.177

Consequently, mitochondrial damage has consistently been observed.178 Tumour cells as
well as vascular endothelial cells demonstrate this damage to a greater extent and are thus
more susceptible to PDT than other cell types, but not necessarily correlated with the
content of sensitiser.179 This means there are essentially two types of damage which can be
observed following PDT. These are direct destruction of the tumour cells as well as vascular
damages. The latter causes secondary injuries in terms of decreases in the quantity of
nutritional substrates and oxygen reaching the tumour tissue.179,185 It appears 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 endothelial cells and blood stasis in the vascular lumen.186-189 This causes an
immediate decrease in blood flow189,190 and red blood cells are then accumulated in the
dilated blood vessels. In the optical properties, this is mainly reflected as an increase in the
absorption coeff icient, as demonstrated in Paper I. When vascular damage is reached, the
treated tissue layer serves as an absorbing filter for the underlying tissue, thus reducing the
treatment depth. This can be shown by the insertion of optical fibres into the tissue to
different depths; these serve as dosimeters during the treatment, and monitor the decrease in
light intensity with treatment time. This was described in Paper I, confirming the results
obtained by others.191 The change in the effective absorption coeff icient was found to range
from 30 to 100% in a 1 mm thick superficial tissue layer.

In contrast to the above discussion, it was found that the resulting blood flow increases
following PDT after topical application of ALA.192 This indicates a totally different
underlying mechanism, vascular damage does not occur. An increased blood flow can be
monitored employing laser-Doppler imaging, as discussed in Paper XI, not only
immediately following the treatment but until normal tissue has fully replaced the malignant
lesion, which can take approximately eight weeks. This indicates an inflammatory reaction,
as a result of direct response to the treatment by the tumour cells. The difference in response
mechanism between the two administration modaliti es is probably because the vascular
endothelial cells are more directly exposed to the sensitiser by systemic administration, as
compared to topical application, where the drug does not essentially enter the blood stream.
The resulting inflammatory response in conjunction with topical administration, increases
the quantity of blood cells in the tumour area both during and after the treatment. This
probably also produces an increased total tissue absorption coeff icient during the treatment,
owing to the increasing concentration of the endogenous absorber, haemoglobin. Results
obtained from dosimetry measurements during PDT, utili sing topically applied ALA,
confirms this hypothesis, since it was found there is a consistent steady decrease in fluence
rate when 11 patients were treated.127 However, the topical administration is often applied
to superficial lesions in for instance the skin and the increased blood flow essentially takes
place beneath the epidermis and the lesion. Hence, the “blood filter” does not probably
significantly affect the treatment eff iciency for such superficial lesions. However, it might
have an impact on the treatment of nodular lesions, partly explaining the less successful
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 e-1 based on the diffusion approximation, was measured in vivo during ALA-
PDT.127 A similar penetration depth, was confirmed by Monte Carlo simulations performed
by Svaasand et al..193 Thus, the primary problem for topical application appears to be the
limited ALA penetration and diffusivity. Microscopic fluorescence studies have shown that
the detection of porphyrin fluorescence in conjunction with topically applying only ALA is
limited after 3 hours to a depth of 0.75 mm.181 Dimethylsulfoxide (DMSO) was shown to
enhance the ALA penetration by a factor of three, resulting in a ALA penetration in the
same order as that of the light.

It is thus clear that the outcome of the treatment is a complex function of several mutually
interacting parameters. Thus, a dynamic dosimetry model is needed, from which the
cytotoxic dose can be calculated, in order to estimate the optimal treatment parameters.
Svaasand et al.194 have developed such a model, including time dependent computations of
the ALA distribution in the skin, and calculations on the formation of PpIX and the
generation of singlet oxygen from the light distribution. Mechanisms such as drug clearance
and photo bleaching of the photo active molecules were taken into account. This model
would, for instance, be an excellent platform for detailed analysis of the possible impact of
changing optical properties on the outcome of the treatment. This could be achieved by
incorporating a dynamic relationship between the cytotoxic dose, as a measure of the tissue
damage, and the optical properties.

8.2 Thermotherapy

Photosensitive agents are not necessary for all l aser-based treatments. The light energy can
also be absorbed by endogenous chromophores and then transformed into thermal energy.
When the tissue temperature exceeds 100°C, vaporisation of the water occurs. Bubble
formation follows, which causes an increase in transmittance and reflectance and thus a
dynamic increase in the light scattering, as was shown for blood in Paper III . This
vaporisation is employed in laser surgery, where the scalpel is replaced by a laser beam.
Tissue can also be destroyed at temperatures below the water vaporisation threshold.
Protein denaturation (coagulation) is induced at temperatures above 45°C, and deactivation
of the cellular enzymatic processes can already be observed at 40°C. These are the
underlying mechanisms of thermotherapy and laser-induced hyperthermia. The optical
effects of hyperthermia are 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 such as port-wine stains. The temperature distribution, which here is the
origin of the treatment effect, is not only governed by the thermal properties of tissue, i.e.
the thermal conductivity [W m-1 K-1] and specific heat [J kg-1 K-1], but also by the source
and sink configuration. A typical sink in tissue, is the blood flow from the heated volume,
which is dependent on the perfusion rate [s-1]. The source term is simply 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 optical
properties, as was discussed in Chapter 7, the optimum light distribution can be designed by
correct selection of the wavelength in order to ill uminate appropriate the volume. If a
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wavelength in the tissue optical window is selected, for instance 1064 nm produced by a
continuous wave (c. w.) Nd:YAG laser, this enables high optical penetration depth and thus
a temperature distribution with a peak 1-2 mm beneath the irradiated tissue surface,
followed by a slow decrease with depth.195 In contrast, the temperature distribution
following continuous irradiation with a wavelength in the blue/green range (producing one
tenth the penetration) generates a higher peak value, although this is located at the tissue
surface. There is also a much more rapid attenuation with tissue depth.195 Superficial lesions
are thus eff iciently treated by the latter system. However, instead of a high maximum
temperature, as obtained with blue/green light, a greater treatment depth and a more even
temperature distribution is normally desired in a clinical setting. This is why NIR radiation
can be used with advantage. The reason for this is to achieve complete eradication of
peripheral malignant cells.

The energy deposition is also governed by the thermally active part of the optical
absorption coefficient, which can now be regarded as a light-heat transformation eff iciency
coeff icient. When using NIR light, which is normally clinically preferred, the entire average
absorption coeff icient of the irradiated tissue volume is essentially thermally active. This is
because only an insignificant portion of the absorbed light energy is lost via other pathways
in the NIR-range, compared to that being transferred to thermal energy. At shorter
wavelengths some of the light energy is lost due to for instance fluorescence,
phosphorescence or chemical energy, which results in a lower thermally active part of the
average absorption coeff icient. Moreover, the thermal µa is at some wavelengths completely
dominated by the absorption of one tissue constituent. This is true for tissue containing
chromophores with distinct spectral absorption bands, for instance blood with its highly
light absorbing haemoglobin. Thus, the transfer from light to thermal energy solely takes
place in the predominantly absorbing tissue, enabling selective thermotherapy of this and
only the immediately surrounding tissue. This approach is employed in the treatment of for
instance vascular malformations.196 This means that the vascularity can eff iciently be
destroyed, without thermal injuries being induced in the healthy less absorbing surrounding
tissue, resulting in minimal scar formation.  At first sight optimal photoselective treatment
can be attained using wavelengths associated with maximal absorption coeff icients of the
target tissue. For vascular malformations this would be at 577 nm, the position of the
highest absorption coeff icient of blood. However, the configuration of the absorbers in the
tissue has been shown to significantly influence the light distribution. For the treatment of
vascular malformations, it has been shown experimentally that better treatment results are
achieved using a wavelength of 585 nm, corresponding to a significantly lower absorption
coeff icient of the blood.197 The explanation of this has been found via Monte Carlo
modelli ng, which reveals that 585 nm yields a more homogeneous light and heat energy
distribution, resulting in thermal damage to the entire vessel and not just the top surface, as
with 577 nm.86,198 A lower absorption coeff icient means that not only the blood absorbs less
light, but also the surrounding vessels. Hence, a more pronounced diffuse light flux is
formed, which is of advantage in the treatment eff iciency of both the underside and of
deeper lying vessels. This effect is not solely determined by the absorption coeff icient of the
blood, but rather by a product of the absorption coeff icient and the vessel radius, which
quantifies the effective light absorption, as well as the distance between the vessels.
Verkruysse et al.87 have discussed the importance of considering the effective light
absorption, rather than a configurationally uncompensated absorption coeff icient when
evaluating the light distribution. The reason for this is because the blood cells in the central
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part of the blood vessel is optically less active, owing to the shadowing by the surrounding
cells, as discussed in Chapter 7.

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 seconds195 for blood, means a small fraction of the
stored heat energy is continuously lost during the irradiation via thermal diffusion. This
results in a widely distributed, less selective, thermal effect and a lower peak temperature.
The thermal distribution will t hen mainly be determined by the thermal properties of the
tissue, rather than by the optical properties.195 In contrast, a local heating, more or less
corresponding to the irradiated tissue volume, is obtained with a light exposure time in the
order of, or less than, the thermal relaxation time. Thermal diffusion does not start until
most of the light energy has been transferred into stored heat energy, resulting in a high
local temperature. It follows from this that the thermal distribution is now mainly
determined by the light distribution and thus the optical properties. High enough
temperatures to cause thermal damage to a range of treatment 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 damaged.199

8.2.2 The treatment response

The heat induces different types of damage, depending on the temperature as well as on the
duration of the heat exposure. However, the general trend is lower temperatures require
longer heat exposure and a higher temperature a shorter heat exposure, in order to induce a
specific degree of thermal damage, mathematically expressed by a damage integral (for a
review, see Jacques2). Low temperature in combination with long heat exposure time causes
subtle damage, such as inactivation of vital enzymes followed by swelli ng of mitochondria
and the endoplasmatic reticulum.200,201 Higher temperatures induce the typical thermal
coagulation, i.e. immediate denaturation of proteins, irreversible modifications of other
biomolecules such as the phospholipids in the membranes. In all , this causes morphological
alterations of the organelles, membranes and extracellular components, and also small
granules with the resulting degenerative material.200

Disregarding which of these is actually used (long or short heat exposure), distinct cellular
damage can be achieved, which is necessary for the treatment of e.g. tumour tissue and port
wine stains. For successful results, some kind of selectivity between diseased and normal
tissue is desirable, such as for the blood vessel malformations in port-wine stains. This
selectivity originates from the natural difference in absorption coeff icients of blood and the
surrounding dermal tissue at the wavelength of the treatment light. Selective thermal
treatment of malignancies can also be achieved, since some cancer cells are more
susceptible to elevated temperatures than normal cells. Vascular endothelial cells also
exhibit this higher susceptibilit y, resulting in vascular damage and decreased blood supply,
causing secondary injuries to the tumour tissue.202 The selectivity is here obtained due to the
abnormal tumour vasculature.

It is thus clear that morphological and vascular alterations occur during the treatment, these
have been shown to affect the optical properties and consequently the light distribution. The
disruption of the organelles, 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 coeff icient (by a factor ranging from 2 to 7 times, depending on the
wavelength and tissue) when various tissue samples, such as aorta, myocardium, liver and
muscle tissue, are either slowly heated in vitro,73,77,112,119,156,203,204 or instantaneously photo-
coagulated during laser irradiation for 20-40 s.60 The increase in reduced scattering
coeff icient was attributed to a decrease in the g-factor, as a result of the formation of smaller
scattering aggregates.77,112,118,119,156 This is in good agreement with the lower g-factors for
smaller particles by Mie theory computations, and also with the lower g-factor for “cloudy”
compared to “clear” particles found from computations based on modified anomalous
diff raction, as summarised in morphological changes on the scattering properties in Table
7.2. In order to investigate the influence of heat on not only the tissue matrix, but also on
the main absorber in tissue, whole blood was slowly heated while monitoring its optical
properties, as described in Paper IV. Small , but distinct, changes in the scattering properties
were observed when the disc shaped red blood cells became spherical. The decrease in the
g-factor is in accordance with the T-matrix computations when the light scattering by an
oblate spheroid was compared to that by a sphere (see Paper V; see also Table 7.2).
However, the increase in the absorption coeff icient at higher temperatures was the most
dominating modification observed. From their investigations on absorbance measurements
of heated and irradiated blood, Tan et al.205 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 account 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 II . A
doubling of not only the reduced scattering coeff icient but also the absorption coeff icient
was found, the latter probably as a result of the vascular damage, or possibly due to heat-
induced injuries to the blood cells, as previously discussed. Furthermore, by analysing the
spectral shape of both the reduced scattering coeff icient and the g-factor, employing Mie
theory computations, the mean size of the average scatterer was estimated. This analysis
found there was a 21-32% decrease in average scattering radius of treated as compared to
untreated tissue, which again confirms the formation of smaller aggregates, as observed by
microscopy.

Most studies of heat-induced changes in the optical properties have so far been performed
on slowly heated tissue. This does not necessarily completely describe the changes arising
when employing pulsed, intense laser irradiation. Lin et al.206 have shown that the changes
observed during pulsed heating of skin and aorta contain both irreversible and reversible
components. The irreversible part was attributed to the same mechanisms observed during
slow heating, i.e. coagulation and dehydration. The existence of reversible phenomena was
suggested to be associated with temperature dependent morphological changes in the tissue
during the treatment, thermal lensing (non-uniform heating causes a gradient in the
refractive index), thermal expansion of the tissue resulting in increased tissue thickness, and
water transport. The dynamic behaviour of the reflectance and transmittance of a blood
sample during a short, intense laser pulse, typically used for treatment of port wine stains,
was investigated in Paper III . Two thresholds of exposures were observed for the
reflectance at 2.9 and 6.3 J/cm2, possibly due to an increase in the effective scattering due to
coagulation (first increase) and vaporisation and bubble formation (second increase). The
transmittance displayed an initial continuous decrease until the first threshold of the
reflectance was reached. A smooth, continuous increase was then followed, until a sudden
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step-like increase occurred at the vaporisation exposure of 6.3 J/cm2. The changes in the
transmittance before the vaporisation were shown to correspond closely with a temperature
dependent absorption coefficient, which increases with temperature until 100°C.

All this implies the dynamic behaviour of the source term during the treatment, which
influences the thermal distribution when pulsed heating with short pulse lengths is used,
because of the significant changes in the optical properties. It has also been theoretically
confirmed by Rastegar and Motamedi,207 employing a dynamic heat distribution model. A
linear increase in the reduced scattering and absorption coeff icients with increasing
temperature results in a clearly more rapid temperature rise, particularly close to the surface,
than if the optical properties were constant during the treatment. However, Splinter et al.208

have experimentally shown that the influence of the dynamic optical properties on the
thermal distribution cannot even be neglected during continuous-wave irradiation, when
optical properties are supposed to have less influence on the heat distribution.



84

9. Optical diagnostic techniques - tissue
optical aspects

Optical diagnostics offers a wide range of applications in non-intrusive monitoring of
fundamental information related to the physical, chemical and biological processes in tissue
for medical purposes. All physical disorders can be associated with biochemical,
physiological and morphological alterations in tissue. These changes can affect the
interaction processes between light and tissue from molecular to cell l ayer level. The
corresponding modifications of the optical signals form spectral fingerprints, which allows
tissue characterisation in relation to malformations, malignancies, inflammatory reactions,
hypoxia/hyperoxia, etc. to be made.

The detected light has undergone a number of interactions, including emission from light
absorbing molecules, inelastic and/or elastic scattering events, i.e. processes either inducing
a shift in the wavelength (fluorescence and inelastic scattering) of the incident light, or not
(elastic scattering). Depending on the underlying interaction mechanism, four main
categories of diagnostic techniques can be identified. Laser-induced fluorescence (LIF) is
based on resonant light absorption followed by re-emission of a photon with only a fraction
of the absorbed energy, the fluorescence photon. The shift in wavelength is referred to as
the Stokes shift. Raman spectroscopy and laser-Doppler flowmetry are based on inelastic
and quasi-elastic scattering, respectively, resulting in a wavelength shift. The spectrally
narrow Raman shift is obtained via an interaction process between the photon and molecule,
primarily involving excitation to a virtual, non-resonant level (though real levels can also be
involved) followed by a rapid de-excitation, yielding a slight shift in the vibrational energy
of the molecule. The laser-Doppler shift originates from a quasi-elastic scattering process
between a photon and a molecule in motion, e.g. in flowing blood cells. This dynamic
scattering causes a transfer of the kinetic energy of the molecule to the photon, dependent
on the velocity of the molecule. Finally, elastic scattering spectroscopy comprises in its
widest definition all types of reflectance and transmittance techniques employing elastically
scattered light. The underlying photon-molecule interaction is extremely rapid (in the order
of fs), and therefore too short for mutual energy transfer, only a change in the direction and
possibly polarisation of the photon would be possible. The energy transfer, molecule to
photon, associated with the appropriate interaction mechanisms of a particular diagnostic
technique can be recognised in some of the energy level diagrams shown in Figure 7.1 and
Figure 7.6. It is thus clear that these diagnostic methods are founded on the basic
mechanisms of tissue optics, as defined by the absorption and scattering parameters. An
essential part of tissue diagnostics is therefore its implications in relation to tissue optical
properties. Three of the above mentioned diagnostic categories will be discussed in this
chapter. For information on the use of Raman spectroscopy as a diagnostic tool, reviews by
Mahadevan-Jansen and Richards-Kortum209 should be referred to.

In all optical diagnostic techniques, the spectral distribution is dependent on the
ill umination and collection geometries. This is as a result of the wavelength dependence of
the optical properties and thus of the wavelength dependence of the angular distribution of
the scattered light. An ideal detection geometry would be to collect the total distribution of
the scattered light. However, this is only possible utili sing an integrating sphere, which is
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impractical in a clinical setting. A flexible ill umination/detection geometry based on optical
fibres is instead frequently employed. One should then be aware of the fact that the fraction
of the total reflectance collected by the detection fibre is dependent on the optical properties
of the tissue and is thus wavelength dependent. This means that when evaluating a spectrum
by calculating the ratio of two intensities at different wavelengths, the values utili sed do not
fully account for variations in the ill umination and detection geometries. These depends on
such small variations as for instance the distance between the ill umination and detection
fibres210, detector fibre and tissue surface, as well as general differences in the
ill umination/detection system used. The latter being exempli fied by the two different
probing geometries ill ustrated in Figure 9.1. The ill umination and detection using one single
optical fibre in close contact with the tissue surface favours collection of photons of low
optical penetration depth, and thus of shorter wavelengths. In contrast, separate surface
ill umination followed by collection with an optical fibre in close contact with the tissue
surface enables the collection of photons with longer scattering history, since the collection
fibre shades the tissue volume immediately beneath. From this it follows that the detection
eff iciency is greater for those photons from greater optical penetration depths, having in
general longer wavelengths. However, the impact of the optical properties on the
ill umination and collection eff iciency can be taken into account utili sing a proper
calibration routine.211,212 Furthermore, Mourant et al.210 have demonstrated that a
sophisticated choice of fibre separation (ill umination versus detection fibres) enables light
detection essentially independent of the scattering properties.

9.1 Laser-induced fluorescence

Laser-induced fluorescence (LIF) spectroscopy provides information on the tissue content
of characteristic fluorescing endogenous or exogenous chromophores. Knowledge of the
types of fluorophores and their individual distribution as well as concentration, can be used
successfully for tissue characterisation. It can be thought of as a sensitive technique capable
of collecting information from molecular probing instruments, sensing small changes in the
tissue biochemical environment. Examples of such endogenous probing molecules, i.e.
endogenous

Tissue

Optical fibre 
for illumination 
and detection

(a)

Tissue

Optical fibre 
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Surface 
illumination

Figure 9.1 Schematic ill ustration of the impact of different ill umination and detection
geometries on the recorded signal. Illumination and detection via an optical fibre, as
shown in (a), favours the collection of photons with low optical penetration depth. Surface
ill umination, as ill ustrated in (b), instead favours the collection of photons with a long
scattering history.
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fluorophores, are the aromatic amino acid tryptophan, present mainly in the proteins in the
mitochondria, NADH (nicotin amide adenine dinucleotide) an important co-enzyme also
active in the mitochondria, collagen and elastin in structural tissue. Other weaker
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 optical properties on the excitation process.
The fraction of the total absorption coeff icient corresponding to the generation of laser-
induced fluorescence (LIF), µa,fl(λex) where λex is the excitation wavelength, is in general
not particularly significant compared to the total µa. However, there are spectral regions in
which the fluorescence absorption coeff icient can be substantial. Laser-induced
fluorescence is mainly induced by excitation light with fairly short wavelengths, i.e. in the
ultraviolet or blue spectral 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 detected fluorescence from the superficial tissue
layers is relatively greater than that from lower lying tissues. For instance, the penetration
depth of human aortic tissue at 360 nm was estimated to approximately 150 µm,213 a region
in which tissue in general is to a large extent composed of an epithelial layer. This was also
exempli fied in Paper VII , where fatty and fibrous heart tissue could not be individually
distinguished employing LIF, probably because the fatty heart tissue is covered by a thin
fibrous pericardium. Furthermore, it implies that the fluorescence signal is particularly
sensitive to changes in the epithelial layer, which can be profitable when searching for the
superficial malignancies frequently accompanied by changes in epithelial thickness and
composition,214 as was shown for adenocarcinoma in Barrett’s oesophagus in Paper VIII .
Tissue with columnar epithelium tended to have lower auto-flourescence than that with
squamous epithelium. Furthermore, it is important to acknowledge that different tissues can
have differing probing depths because of their characteristic optical 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 decrease in the
magnitude of the entire fluorescence spectrum.

Once the excitation light has reached the fluorophore and a successful excitation occurs,
fluorescence light can be emitted. The probing depth is thus not only dependent on the
optical properties of the excitation light but also on those of the emission light. Monte Carlo
simulations have shown that 30-40% of the fluorescence photons is remitted in the forward
direction, i.e. away from the tissue surface.53 This means that distal layers influence the
fluorescence signal, yielding a larger effective probing depth than predicted by the
penetration depth of the excitation light. The fluorophores exhibit peak intensities in
fluorescence at various wavelengths depending on the molecular energy level structure. For
instance, if an excitation wavelength of 337 nm is used, then tryptophan and collagen
display their fluorescence peaks at approximately 390 nm, elastin at 410 nm, NADH at
470 nm and carotene at 520 nm. All peaks are broad with a FWHM in the order of 100 nm,
since the excited fluorophore can return to any of the vibrational levels within the ground
state, during the emission of fluorescence photons with a broad range of energies, as
ill ustrated in Figure 9.1. Auto-fluorescence spectra from tissues, containing a mixture of
fluorophores, are essentially an integral of the individual fluorescence spectrum of these
fluorophores. The spectral characteristics, required to distinguish different tissues 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 chemical environment. For example, the
various tissue layers in the skin display different auto-fluorescence emission characteristics,
in relation to intensity and spectral shape, indicating a non-homogeneous distribution of
different fluorophores in normal skin (excitation wavelength: 442 nm).215 Atherosclerotic
arteries exhibit a red shift and broadening in peak fluorescence, compared to normal aortic
tissue at an excitation wavelength of 308 nm, which was considered to be related to an
accumulation of oxidised lipoproteins.216 Moreover, fibrous, scarred myocardium show
increased fluorescence emission at wavelengths in the range 440-475 nm, using 308 nm
excitation, compared to normal myocardium.217 Paper VII  confirms this abilit y to
discriminate between normal myocardium and fibrous, or fatty heart tissue, using LIF with
an excitation wavelength of 337 nm. As a final example, Paper VIII  shows that the auto-
fluorescence peak at approximately 500 nm, using 405 nm excitation, is significantly lower
for adenocarcinoma in Barrett’s oesophagus, compared to normal oesophageal mucosa.
This could be attributed to a different structure and possibly thickness of the epithelium, as
previously discussed, but alterations in auto-fluorescence also originates in changes in
fluorophore composition/concentration, as well as chemical environment, as shown by the
examples presented. The latter can for instance be seen in tumour tissue, which in general
has a slightly lower pH than normal tissue. This could affect the NADH/NAD+ balance and
thus the fluorescence component originating from NADH.218

9.1.2 Fluorescence from exogenous fluorophores

In order to enhance the demarcation between normal and malignant tissue, a tumour
selective drug is frequently administered consisting of the same photosensitisers as those
used for PDT, but either at a lower dose219 or in connection with the treatment session.220

With an excitation of 405 nm, probing at the maximum absorption coeff icient, porphyrin-
based photosensitisers fluoresce with a characteristic  double peak at 630 and 690 nm for
Photofrin and 635 and 705 nm for ALA-induced PpIX. Thus, the spectral shape of the auto-
fluorescence, originating from endogenous fluorophores, is combined with these distinct
peaks. The general idea is to base the demarcation criterion not only on the changes in auto-
fluorescence, frequently observed as an overall decrease in tumour tissue, but also on an
increase in fluorescence emission originating from the porphyrins accumulated in the
malignancy. For instance, topically applied ALA, in conjunction with PDT, of basal cell
carcinomas in the skin was found after six hours to fluorescence at 635 nm 2.4 times more
intensely in the lesion compared to the surrounding normal skin, see Paper IX. However, we
must remind ourselves of the low probing depth of LIF using ultraviolet/blue excitation
light. Hence, this technique does not give any information on the drug accumulation at
greater depths in  the lesion. It is thus interesting to notice the trend, though apparently
insignificant, that lesions requiring retreatment possessed on average a higher fluorescence
intensity associated to the PpIX than lesions requiring only one treatment. This might
indicate a shallow drug penetration and thus a higher degree of superficial accumulation of
PpIX. However, one should be careful drawing such conclusions from measurements
performed on lesions with different optical properties, as previously discussed.
Incorporation of the decrease in auto-fluorescence yields a demarcation factor of the
malignant as compared to the healthy tissue of between 7.4 and 9.5. The kinetics of the drug
accumulation can be followed utili sing LIF, the maximal demarcation at the probe depth
was found to be 2-4 hours after applying the ALA onto the skin, see Paper X. However, the
drug does not always exhibit the desired tumour selectivity as indicated in these studies. The
fluorescence signal, corresponding to the porphyrins following low-dose intravenous
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injection of Photofrin, was found on average to be only 1.2 times higher in oesophageal
adenocarcinoma, as compared to that in normal oesophageal mucosa, see Paper VIII . The
demarcation between malignant and healthy tissue can thus be mainly attributed to a
sufficient difference in auto-fluorescence.

9.1.3 Evaluation methods

Fluorescence spectra are traditionally evaluated by calculating ratios, for instance between
the intensities of the auto-fluorescence and photosensitiser peaks, in order to substantiate
the characteristic spectral 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 tissue by including the entire spectral
information in the analysis utili sing powerful analysis techniques such as Principal
Component Analysis (PCA).221 PCA extracts the main spectral features from a set of
measured spectra in terms of the principal component spectra. Each spectrum measured can
then be characterised by its composition ("amount") of the principal components. It,
however, allows at the most qualitative analysis of tissue fluorophores but not quantitative
estimates, owing to the influence of the tissue optical properties and boundary effects,
unless combined with a rigorous calibration routine. Durkin and Richards-Kortum61 have
shown that full spectral analysis, in their case performed by the method of partial least
squares, can in combination with a set of controls with known fluorophore concentrations
and optical properties of the surrounding medium, yield quantitative information of the
fluorophore concentration. This could be of particular importance in order to determine the
concentration of photosensitiser for PDT, an important dosage parameter for optimal
treatment.

When analysing fluorescence spectra, it is important to bear in mind that the fluorescence
light has been filtered through the tissue before being detected. This means that the tissue
optical properties have left their fingerprint on the spectral shape of the fluorescence. The
most pronounced spectral features originate from the main absorber in tissue, in the visible
range - the blood - with manifest absorption bands in its oxygenated state at 418, 542 and
577 nm, as can be seen in Figure 7.2 and Figure 7.5. These can often show up as dips in the
fluorescence spectra, which must not be misinterpreted as features originating from the
fluorescence signals. Another phenomenon, associated with the absorption coeff icient, is the
self-absorption. This originates from the overlapping of the emission and absorption spectra
of the fluorophores, yielding a more eff icient absorption of the fluorescence light at shorter
wavelengths and thus a red-shift of the measured compared to the intrinsic fluorescence
spectrum. The wavelength dependent scattering properties affect the spectral shape of the
fluorescence as well , since they determine the average photon path length and thus the
degree of absorption. The fluorescence light with longer wavelengths is less eff iciently
scattered than that at shorter wavelengths according to the general behaviour of the reduced
scattering coeff icient, as discussed in Chapter 7.2 and shown in Paper II . This means that
fluorescence light at longer wavelengths experiences a slightly shorter path than
fluorescence light with shorter wavelengths and is consequently less effectively absorbed.
Hence, fluorescence light at shorter wavelengths are more eff iciently absorbed, again
causing a red-shift. This has experimentally been verified by Ahmed et al..222
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Several methods have been presented which are capable of distinguishing the intrinsic
fluorescence light from the total detectable. In addition to the previously described method
based on a control set of reference fluorescence spectra derived by Durkin and Richards-
Kortum,61 an analytical relationship between the intrinsic and measured fluorescence has
been developed utili sing information from a diffuse reflectance spectrum. However, only
relative information on tissue-fluorophore composition can be deduced from this.223

Absolute values can however be obtained by employing a technique developed by Gardner
et al.,224 based on the knowledge of not only the diffuse reflectance but also the effective
light penetration depth (i.e. a simple average measure of the optical properties).
Furthermore, there is a method based on a transfer function, derived from Kubelka-Munk
theory, which can also be used to derive absolute concentrations of the fluorophores.
Experimentally, a dual-wavelength excitation and detection method has been shown to
successfully determine hematoporphyrin derivative concentrations in a tissue phantom using
a dimensionless ratio, which is independent of the optical properties.225 This concept has
been shown to be useful when evaluating fluorescence spectra obtained from pigmented
lesions in the skin following topical application of ALA.226 This is because the variations in
fluorescence detected are independent of the tissue optical properties - here pigmentation
variations - and thus can be entirely related to the drug. It has also been confirmed
experimentally that the diffuse reflectance spectrum can be used as a first order
approximation to compensate for the interference of the fluorescence spectrum due to
absorption and scattering,215 as predicted theoretically.223

9.2 Elastic scattering spectroscopy

Elastic scattering spectroscopy directly probes all ti ssue chromophores and scatterers,
providing information on the composition and biochemistry of the tissue matrix. Thus, the
impact of the tissue optical properties on the registered signal, which in LIF-spectroscopy
often is considered to degenerate the desired information from the fluorophore, corresponds
here to the primary carrier of information. The fraction of the incident light, which passes
elastically through the tissue, can be used to characterise tissue morphology from the
scattering history of the monitored photons. From the photons ” lost” to other inelastic
interaction processes, information regarding tissue chromophores can be gained.

The spectroscopic diagnostic techniques using elastically scattered light are essentially
those described in Chapter 6.2, since elastic scattering spectroscopy is basically equivalent
to the determination of tissue optical properties, although not necessarily quantitatively. All
types of reflectance and transmittance measurements are employed, either determining the
total amount present, or monitoring the resolved signal with respect to space or time. By
appropriately choosing the wavelength of the probing light in relation to the general
wavelength dependence of the optical properties, not only can the probe depth be varied,
but the microscopic tissue variables can also be selectively characterised, as discussed in
Chapter 7. Visible light is highly scattered and consequently mainly contains information on
tissue structure and cell morphology, such as on shape and size of extracellular structural
tissue components, cells and their organelles. This spectral range is thus applied in flow
cytometry, where the light scattering from individual cells is analysed, providing
information on cell volume, shape, refractive index, etc..173,227 It has been shown from
analysis of the characteristics of the diffuse back-scattered linearly polarised light in the
visible range, that information on the concentration and size of particles in a scattering
tissue phantom can be obtained.15 The average size of the scatterer in a tissue phantom14 or
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tissue can also be derived from the slope of the g-factor, or reduced scattering coeff icient,
plotted as a function of the wavelength in the visible region, as shown in Paper II . The
scattering properties have a particularly strong influence on the reflectance, which indicates
that tissue characterisation, with respect to size of the tissue component, can be performed
using elastic scattering spectroscopy based on the spectral shape of diffusely reflected
visible light. This has experimentally been shown by Mourant et al.,228 who were able to
distinguish malignant from normal tissue in the bladder wall , with an diagnostic algorithm
based on the slope of reflected light collected by an optical fibre. The change in slope was
considered to be related to an increase in the nucleus/cytoplasm ratio for malignant cells,
which is expected to affect the scattering properties of tissue. Since other studies of the
optical properties of malignant, or treated versus healthy and untreated tissues, display
differences in both scattering coeff icients and also their spectral shape in the visible
range,60,77,119,154,156,203,204 a wide applicabilit y of this optical biopsy technique can be
anticipated. The visible spectral region contains a few characteristic broad absorption
bands, due to the electronic transitions in haeme-containing biomolecules. These spectral
features can also be used for tissue characterisation utili sing the difference in tissue content
and distribution of biomolecules such as haemoglobin, myoglobin and cytochromes. For
instance, assessment of the thickness of vessels, comprising vascular malformations such as
port wine stains, as well as their depth, can be obtained from visual reflectance spectra.229

These are important parameters necessary to design the optimal treatment conditions and
also evaluate the treatment response.230,231

The near infrared wavelength region 700-1300 nm, identified as the ”tissue optical
window” comprising minimal absorption and scattering coeff icients in tissue, is employed
for a wide range of applications associated with a requirement of deep probing.
Measurements of the oxygenation content in blood can be obtained using reflected light at
two appropriately selected wavelengths, to maximise differences in absorption spectra for
oxy- and deoxyhaemoglobin. These occur at for instance 665 and 955 nm41 and at 660 and
813 nm,232 which can be used to determine the relative oxygenation. Transmission
measurements have also been performed, in order to monitor cerebral and myocardial
oxygen suff iciency.233,234 Absolute values of the absorption coeff icient and thus the
concentrations of haemoglobin (Hb) and oxyhaemoglobin (HbO2) are not so easy to
determine using the reflectance/transmittance measurements, since the effective pathlength
of the recorded light within the tissue is unknown due to multiple scattering. In general
measurements are thus primarily used to obtain relative values. Matcher and Cooper235 have
demonstrated an alternative approach in order to determine absolute concentrations of
Hb/HbO2. The trick is to estimate the effective 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 coeff icient and consequently the concentrations of Hb/HbO2. Furthermore,
time-resolved transmission measurements in the short-wave NIR-range can be conducted in
order to detect inclusions, such as tumours, deeply located within the tissue, such as breast
tissue70,236,237 in the development of optical mammography.

The absorption coeff icients of near infrared light at longer wavelengths (1-2.5 µm) are in
general slightly 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 also be found. They have for a long time been regarded as of no value for tissue
identification,238 due to their weak character and a certain overlap between some of the
bands. With improved analytical techniques based on the whole spectral data, this
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wavelength range has now been acknowledged as having significant potential for tissue
characterisation. For instance, the characteristic spectral features have been shown to
provide both quantitative and qualitative information on lipid and protein content in tissue
samples.239,240 Moreover,  Paper VII  has shown that NIR light in the range 1-2.5 µm can be
utili sed to characterise cardiovascular tissue in terms of normal myocardium, aorta, fatty
and fibrous heart tissue, provided a powerful analytical method of principal components221

(PCA) is available. The wavelength segment between 2.0 and 2.3 µm appears to be
particularly feasible, partly because it contains interesting spectral features, but also due to a
local minimum in water absorption, as discussed in Chapter 7.1. These characteristics 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
readily for quantitative analysis of biochemical composition of tissue samples, for instance
in conjunction with analysis of colorectal cancer tissue,241 atherosclerotic arteries242 and
myocardial tissue following infarction.243 However, as previously mentioned, due to strong
water absorption and consequent insignificant probe depth, this spectral region is less
feasible in a clinical setting.

9.3 Laser-Doppler flowmetry

The two previously discussed diagnostic techniques assess disorders apparent in the tissue
matrix, i.e. malignancies, scar formation, atherosclerotic plaque, hypoxia/hyperoxia, etc.,
corresponding to structural changes in biomolecules. However, laser-Doppler flowmetry is
used to probe alterations in the peripheral blood flow, corresponding to a secondary
response to physiological changes under normal as well as pathological conditions. Various
stimuli such as inflammatory reactions, temperature changes, electrical skin stimuli ,
etc.192,244,245 affect the microcirculation, as do common diseases such as diabetes and
arteriosclerosis. Since the microcirculation exhibits local spatial variations, an imaging
technique is required to evaluate a more representative average portion of the perfusion in
the affected tissue than is possible using the limited spacial information provided by the
fibre optical probe. Such a technique is Laser Doppler Imaging (LDI).246

The general principle of laser-Doppler imaging is to scan a laser beam over the tissue
surface. The wavelength of the probing light is usually around 633 nm, at which the blood
absorption is relatively low, in order to minimise the number of photons ” lost” in the
interaction events with the blood cells. This results in a sampling depth estimated to
approximately 200-240 µm in skin, depending on the blood content.28,246,247 However, by
shifting the wavelength of the probing light to the NIR spectral range, a probing depth in the
order of 1-10 mm can be achieved,28,56 depending on the source/detection geometry. Thus,
the actual sampling depth is dependent on the tissue optical properties. It is therefore
questionable whether the blood perfusion results obtained from lesions of different
thicknesses or optical properties can be interrelated. This is exempli fied for basal cell
carcinomas in Paper XI, showing that nodular lesions display lower perfusion than those
which are superficial. The thicker and more dense tissue matrix in a nodular lesion probably
prevents the light from reaching the same microvascular depth as that probed for a
superficial lesion.
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When light interacts with a moving blood cell via quasi-elastic scattering, a fraction of the
kinetic energy is transferred to the scattered photons resulting in a Doppler-shift. This shift
is extremely small , in the order of 10-11 times the frequency of the incident beam.248 It is,
however, macroscopically discernible as a fluctuating speckle pattern, originating from the
combination of the light scattered by the static tissue matrix with the Doppler-broadened
light from the moving blood. The speckle pattern is imaged on a detector as a fluctuating
signal with intensity modulation at the Doppler frequency:

 Eq. 9.1                                 ∆f=
1

2π
(ks-ki)⋅⋅v,

where ki and ks are the wave vectors of the incident and scattered light, and v is the velocity
vector of the moving blood cell . Since the blood cells flows in various directions and the
incidence/scattering angles of the photons vary, the modulation frequency (i.e. the Doppler
shift) has a certain distribution. From this frequency distribution the velocity distribution of
the moving blood cells can be deduced.246 Moreover, the magnitude of the fluctuations
corresponds to the concentration of blood cells. 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.30 have shown that a laser Doppler spectrum depends on the optical scattering
properties of the flowing medium. From a clinical point of view, this is of less importance,
since relatively small differences in the scattering properties of blood is expected in vivo.
However, the optical properties of the surrounding tissue matrix are not invariant. They
affect not only the sampling depth and volume, as previously mentioned, but also directly
the distribution of Doppler shifts in the case where the light is highly directed. The reason
for this is that the shift is dependent on the direction of the incident light. Tissue is in
general a rather strongly scattering medium in the visible wavelength range. This means that
isotropic probing light is generated at reasonably short distances from the surface. Thus, the
direct influence of the optical properties on the Doppler shift is probably negligible for
source/detection geometries favouring the collection of photons with longer scattering
histories in the tissue matrix. This was verified for a large (in the order of centimetres)
source versus detection fibre separation56 (g-factors in the range 0.5-0.9 at µs’=1.0 mm-1 and
µa=0.001 mm-1) by Monte Carlo simulations. However, an influence of the g-factor on the
Doppler spectrum has been observed at a smaller fibre separation (in the order of
milli metres), in conjunction with Monte Carlo computations for optical properties close to
those of the skin (g=0.875, µs=11-25 mm-1 and µa=0.01-0.015 mm-1).28 An extended study
is recommended, in order to conclude within what range of the optical properties and for
which source/detection geometries this effect has to be considered.

Laser Doppler measurements utili sing an imaging approach involves a scanning procedure
over the tissue surface being imaged, typically the area in the order of 5×5 cm. The blood
perfusion is deduced from step measurements during the scanning, and stored as a pixel
value in a laser-Doppler image. This results in a spatial resolution in the order of
milli metres, partly due to the strong scattering by tissue. A high-resolution laser-Doppler
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 mm249. Substantially higher spatial
resolution (2-10 µm) can be obtained by combining Doppler velocimetry with the optical
coherence tomography (OTC) approach.250 The latter method is founded on the technique of
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low-coherence reflectometry, as briefly described in Chapter 6.2.4. OTC provides
tomographic images of the tissue with a high resolution. When combined with the laser
Doppler technique, high resolution laser Doppler images can be obtained. This optical
Doppler tomography technique has been demonstrated in vivo on blood flow in small
vessels embedded in highly scattering tissue (skin) some 200 µm below the surface. OTC
would for instance be a powerful tool for further studies on microvascular injuries, in
conjunction with PDT following topically applied ALA. This could be carried out to
confirm the results obtained with conventional low resolution LDI described in Paper XI
and to provide a better 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 basal cell carcinomas in the skin, as discussed in Paper XI. This study
showed that LDI is a promising technique for assessment of the healing, since the perfusion
in the residual/recurrent 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 I  to Paper IV report on changes in optical properties in the visible spectral range,
arising in conjunction with laser-based treatments, using various integrating sphere set-ups.
These exempli fy the close relationship between optical properties and physiological, as well
as morphological alterations in tissue. 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 study the absorption coeff icient of rat liver and muscle tissue was found to increase by
30-70% and 50-100%, respectively, after PDT performed in vivo. This could probably be
due to damage to the microvasculatur as a result of the treatment. In Paper II , the single
integrating sphere set-up was rebuilt with a spectrometer combined with a CCD-camera as
the detector, thus enabling the acquisition of total spectra of optical properties. Changes in
the optical properties of rat liver tissue, treated by thermotherapy employing a continuous
wave Nd:YAG laser, were determined. An increase of 200% in not only the absorption, but
also the effective scattering coeff icient was found, indicating vascular as well as tissue
matrix (coagulation) injuries  The entire spectral information on the reduced scattering
coeff icient, as well as on the g-factor was used to estimate a Mie equivalent average radius,
corresponding to the average size of the scattering centres in the tissue. This was shown to
be 20-30% lower in the tissue treated by thermotherapy compared to the untreated tissue.
Finally, a double integrating sphere set-up was utili sed in order to follow dynamic changes
in the optical properties of blood. In Paper IV, the blood was slowly heated, causing a
continuous increase in the absorption coeff icient with temperature. An increase in
temperature from 25 to 50°C induced an 80% increase in µa at 633 nm, which was
suggested to be related to formation of degradation products, following haemoglobin
denaturation, and/or haemolysis. Furthermore, a small but abrupt decrease in the g-factor,
coinciding with a corresponding increase in the scattering coeff icient, was observed when
the disc shaped blood cells became spherical at a heating temperature of 45-46°C. The
temperature dependent increase in the absorption coeff icient was confirmed using pulsed
heating in Paper III . An increase in the absorption coeff icient of 250% was estimated, when
the blood was heated from 20 to 100°C using a 0.5 ms laser pulse at 586 nm. The
reflectance and transmittance signals measured during the pulse, revealed distinct changes
dependent on the accumulated radiant exposure rather than the exposure time. A distinct
increase in the reflectance was displayed after an accumulated exposure of 2.9 J/cm2, which
was accompanied by the development of coagulates in the blood. Moreover, a “popping”
sound, indicating on vaporisation of the heated blood, was heard when both the reflectance
and transmittance were found to significantly increase after an accumulated exposure of
6.3 J/cm2.

In Paper V, T-matrix computations, with extended precision variables, were employed in
order to estimate the influence of shape transformations of red blood cells, modelled as
volume equivalent spheroids, on the angular distribution of the scattered light. Sphering as
well as elongation of a spheroid, when maintaining the particle volume, cause a decrease in
the g-factor. For the sphering, this decrease in the g-factor is in agreement with the
experimental results presented in Paper IV. Moreover, near field computations reveal that
optical measurements have to be performed on highly diluted blood to validate the
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assumption of independent scattering. However, this also means that results from such
measurements cannot be simply extrapolated to whole blood.

The potential of a fairly unexplored spectral region, from the viewpoint of clinical
diagnostics, is for the cardiovascular tissue investigated in Paper VII . This study indicates
a better specificity can be obtained with near infrared diffuse reflection spectroscopy, in the
spectral range 0.8-2.3 µm, as compared to laser-induced fluorescence. The wavelength
region 2.0-2.3 µm was shown to comprise of particularly useful information for tissue
characterisation. This is partly due to a local minimum in the water absorption, allowing
distinct absorption dips to be evaluated. The capacity and usefulness of Principal
component analysis were demonstrated for both NIR- and LIF-spectroscopy. Spectral
analysis utili sing the entire spectral information appears to be a powerful analysis technique,
as compared to analysis at single wavelengths.

Paper VI  considers the influence of the optical properties of tissue on LIF-measurements.
Three computational methods were developed, all based on the time-resolved Monte Carlo
approach for light transport in tissue. One program, considered as the standard, treats each
fluorescence phenomenon simply as a change in the optical properties. The other two
programs separate the fluorescence in its two processes. The transport of the excitation light
is simulated separately, from that of the emitted light, and the total was obtained via
convolution. The results from all three programs were in good agreement, except for a
normalisation factor, but the two condensed simulation programs produced the results
significantly faster than the standard approach.

The clinical results obtained within the scope of this work are reported in Paper VIII  to
Paper XI . Paper VIII  is entirely devoted to diagnostics using laser-induce fluorescence and
intravenously injected low-dose Photofrin. The good discrimination obtained for severe
dysplasia and adenocarcinoma in Barrett’s oesophagus, could mainly be related to
alterations in the auto-fluorescence rather than a selective uptake of the photosensitising
drug. Paper IX to Paper XI report results from an ongoing clinical study, which is
evaluating the treatment of basal cell carcinomas in the skin. It comprises a comparison
between topically applied ALA combined with PDT on one hand and cryo therapy on the
other. The papers discuss the potential of and results obtained from the optical diagnostics
techniques, LIF and LDI, rather than any clinical evaluation of the outcome of the
treatment, since the last of the one-year follow-up visits will not take place until the
beginning of 1998. The LIF studies reveal 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 application
of the ALA creme. No correlation between the fluorescence measurements performed
immediately before the treatment and the treatment response was found. LDI seems to be a
powerful tool to monitor and assess the outcome of the treatment during follow-up visits,
since the elevated blood flow decreases to normal values after complete healing, in contrast
to the residual/recurrent lesions. The submission of these papers is planned to occur when
the clinical evaluation is completed.
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