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A bstract

This thesis describes an optical phenomenon which may occur when biological
tissues are iiradiated with therapeutic laser light at powers above the thermal
dénaturation threshold. The scattering coefficient of most tissues changes with thermal
dénaturation. This may alter both the light distributions within and the light distributions
emerging from the tissue during the therapy. The former effect may require a non-linear
description of the thermal interaction whereas the latter may offer the opportunity to
observe the progress of the therapy.
The clinical uses of lasers in medical therapy and diagnosis are reviewed in the
first chapter and physical background information on light and heat transport in tissues
are presented. Existing reports on changes in optical coefficients with temperature are
collected and discussed in the second chapter. In the third chapter the mechanisms
involved in the thermal damage to tissues are examined by means of transmission
electron microscopy, experimental measurements o f the dénaturation kinetics of tissue
and a theoretical modelling of cell survival. In the fourth Chapter, a stochastic model
for the calculation of light distributions in tissues is described and validated against
analytical solutions. Subsequently, it is used to study the effect of different combinations
o f absorption and scattering coefficient on the light distributions within and emerging
from the tissue. Experimentally determined values of absorption coefficient, scattering
coefficient and single scattering phase function of rat liver, human aorta and human
prostate are presented in the fifth chapter. The optical coefficients were measured both
on native and thermally damaged tissues. The final chapter suggests a model for the
calculation of temperature distributions in tissues during pulsed laser irradiation. This
model relies on the light distributions given by the stochastic model and uses a finite
element approximation to the heat diffusion equation. Examples of changes in
temperature distributions with changes in optical coefficients are presented.
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Figure 6.10: Comparison of the relative absorbed dose at r=0 as a function of
depth z for native rat liver at 1.064 pm, 1.32 pm, and 2.1 pm.
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Figure 6.11: Topology plot of relative radiant energy fluence rate in native
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Figure 6.12: Topology plot of relative radiant energy fluence rate in thermally
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Figure 6.13: Comparison of the relative absorbed dose at z=0 as a function of
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Figure 6.14: Size and location of the set of spheres of coagulated tissue
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Figure 6.15: Topology plot of relative radiant energy fluence rate of 1.064 pm
light in partly coagulated rat liver (C l, Figure 6.14).
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Figure 6.16: Topology plot of relative radiant energy fluence rate of 1.064 pm
light in partly coagulated rat liver (C3, Figure 6.14).
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Figure 6.17: Topology plot of relative radiant energy fluence rate of 1.064 pm
light in partly coagulated rat liver (C7, Figure 6.14).
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Figure 6.19: Accumulation of heat in native rat liver during 5 short laser
pulses (1 J, 10 Hz, 1.064 pm) and subsequent heat diffusion. See text
for details.
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Figure 6.20: Accumulation of heat in (a) native and (b) thermally coagulated
rat liver during a series of short laser pulses (1 J, 10 Hz, 1.064 pm).
See text for details.
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Figure 6.21: Temporal progress of damage accumulated in the tissue in the
case of (a) optical coefficients of native rat liver and (b) optical
coefficients of thermally coagulated rat liver. See text for details.
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system.
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Figure B.3: Photograph of the goniometer system. On the left the detector arm
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Figure B.4: U-shaped holder for the goniometer system which was attached to
the optical rail. Details of the top and bottom plate are shown on the
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Figure C.4: Detected power as a function of true reflectance: collimated
illumination. Ideal case (solid line), large sample port (dashed line),
small sample port (small dashed line)
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Figure C.5: Detected power as a function of true reflectance: diffuse
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Figure C.7: Technical drawing of the transmission side sphere and the
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C hapter 1

I n t r o d u c t io n

"I had been told about this, and I easily recognized it from the description (...).
Finding one corner, I ran my fingers along the edge, only to find that I could
not reach the other end. I worked my way along the front and was amazed at
its size. The front was carved with hard, cold letters. They stood out boldly, but
I could not be bothered reading them. The top was as smooth as silk, but how
far back did it go? I stretched my arms out over it but could not reach the
back. This was incredible. It must have a back somewhere. Pushing myself up
on to it, my feet hanging out over the front, I could reach the back. I did this
again and again, measuring it with my body, till at last I began to have some
idea of its proportions (...). There were several places on the polished surface
which were marked with long, rather irregular indentations, not cracks, but
imperfections o f some kind."

Jo h n

M.

H ull,

Touching the Rock

What we generally call light is only a narrow band within a wide spectrum of
electromagnetic waves. Nevertheless, the pair of organs specialized to sense this physical
quantity, the eyes, are the key source of information to our body about our environment.
In many ways, light is extremely important to our lives. It is not surprising, therefore,
that in human history light has often been considered as being more than a physical
quantity. Mystification of light as the origin of life, a sign of divine power, and a source
o f health can be found in virtually all cultures at all times. The destructive effects of
intense light on tissue were already known to Socrates (although he probably did not
know that this involved thermal damage to the retina). Within a dialogue of Plato’s
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Phaedo he warns against looking directly into the sun during an eclipse.
An early effort to use the destructive effect of light on living tissue in a
controlled manner for medical therapy was reported at the turn of the century, when
fluorescent dyes were used for a selective therapy of tuberculosis cutis luposa. This was
a first attempt at Photodynamic therapy (PDT)\ There are also early reports on the
diagnostic use of light in medicine. Oximetry on thin lobes o f tissue such as the ear or
the cheek was one of the first qualitative applications^.
The technical development of the LASER, the acronym for Light Amplification by
Stimulated Emission of Radiation, stimulated in many ways the revival o f a mystification
of light for medical purposes. In fact, one of the earliest applications of this new
scientific tool was of a medical nature. By focusing the laser beam onto the fundus of
the eye, it was possible to accurately weld a detaching retina and save the patient from
blindness. Indeed a mystical source of power! Since these early "hit and see"
applications of laser light in medicine, an enormous range o f uses have emerged. Based
on considerable improvements in the understanding of the interaction of laser light with
tissue, special therapies have been identified for which there is no alternative.
Sometimes, only a laser can do the job.
This thesis aims to contribute to the general understanding of light transport in
tissue for the therapeutic application of laser light. Specifically, it investigates the impact
o f laser-induced heating on the optical properties o f the tissue. Knowledge of the optical
properties of tissue and any changes induced thereupon during the thermal interaction
with the laser light are of great concern for the following two important reasons.
•

Changes in optical properties may alter the light distribution within the tissue and
hence the distribution of the heat source. Any significant change would lead to
a non-linear thermal interaction.

•

Changes in optical properties may also alter the light distribution emerging from
the tissue. A good knowledge of the optical properties o f native tissue and their
dependence on the thermally damaged state of the tissue may enable the
observation of the progress of the therapeutic process.

In an attempt to contribute to the latter development, extensive experimental work has
been carried out to compile a set of optical properties of thermally damaged tissues. For
some of the tissues studied, such a set has not been available in the literature before
now. A contribution to the investigation into the non-linearity o f the thermal interaction
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is made by exploring light and temperature distributions by means of a numerical model
o f light and heat transport in tissue.
The remaining part of this introduction is intended to familiarize the reader with
the general concepts underlying the interaction o f light with tissue. But before that, a
very brief and far from complete review of important therapies and diagnoses relying
upon laser light is given in Section 1.1. Some of them are still in an experimental stage,
others have found their way into hospitals as routine clinical techniques. An important
complication of light transport in tissues at visible and near infrared (NIR) wavelengths
is the low absorption compared to the scattering o f light. The general concepts of tissue
optics and of light scattering by small particles are introduced in Section 1.2. Section 1.3
deals with the theoretical background of multiple scattering of light and discusses
models of light transport which enable the calculation of light distributions within highly
scattering media. The ultimate aim of most therapeutic laser applications is the
generation of heat in the tissue. Section 1.4 discusses the general concepts behind heat
transport as applied to tissues. Each of these sections refer to relevant chapters in the
thesis, where a particular topic is discussed in more detail. However, easy access to the
contents of the thesis is provided in the last section of the introduction (Section 1.5)
which is also intended to provide the reader with a general guide.

1.1

A p p l ic a t io n s

1.1.1

Therapeutic applications

o f l a s e r s in m e d i c in e

Therapeutic applications of laser light can be classified according to the
fundamental physical effect of the interaction with tissue. Four classifications may cover
the whole range of interactions. These are photochemical, photothermal, photoablative,
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and photomechanical effects. Boulnois arranged these in an excellent review^ according
to the radiant energy fluence and the radiant energy fluence rate required to achieve an
effect within each category. Numerous reviews are available on the therapeutic use of
lasers, which also provide sources of reference (see, for example Carruth and
McKenzie'^, Parrish and Wilson^ and Welch et al.®). Applications resulting in the
surgical excision or alteration of tissue rely mostly on the last three categories, whereas
other applications such as photodynamic therapy (PDT), laser hyperthermia and laser
biostimulation aim to achieve photochemical and low temperature photothermal effects,
or a combination of the two, in tissue. The following parade o f therapeutic uses o f lasers
is organized roughly according to the wavelength of the light applied. This covers the
range from the ultraviolet (UV, X<390 nm) through the visible (390 nm<A,<780 nm) to
the infrared^ (IR, A.>780 nm).
Photorefractive Keratectomy. The shape of the cornea can be changed by using
193 nm ArF excimer laser pulses to ablate the surface of the cornea and hence change
the refractive power of the eye according to the visual disorder^’®. There was at first
considerable disagreement about the physical processes involved in this but it seems now
that the ablation may be regarded as photothermal rather than photoablative^. In the
latter case the photon energy is in theory sufficiently high to cause the direct fracture
of molecular bonds. The technique is currently restricted to the treatment of myopia. A
new technique for the treatment of myopic astigmatism and hyperopia using a mask
which is itself ablated during the treatment in correlation to the required change in
cornea shape, is currently under development^® ".
Laser Angioplasty. The treatment of arterial occlusions by means of both
nm KrF and 308 nm XeCl pulsed laser light has also been investigated^^. Although
a technique of great potential, it still remains the subject o f controversy^^ and has yet
to prove entirely successful in follow-up studies. Based on recent statistical results of
controlled studies, it may be questionable whether laser angioplasty will be an effective
therapy on its own". Nevertheless, it can provide surgical advantages when used in
combination with other therapies (eg. balloon dilatation)

t

The IR may be subdivided into the NIR (0.78-3.0 pm), the intermediate IR (3.06.0 pm), the far IR (6.0-15.0 nm) and the extreme IR (15.0- 1(XX) pm). There may
be some confusion with the term NIR which is used in diagnostic tissue optics
denoting the wavelength region of minimum overall attenuation o f tissue (7801200 nm).
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ophthalm ic Applications. The use o f lasers in ophthalmology has played a key
role in the development of general medical applications of the laser and the
understanding of the biophysical processes involved in the interaction of tissue with laser
light. Two interesting reviews^^’*^ offer insight into the historical aspects o f this
development. A laser may be used, for example, for the treatment of glaucoma to open
a pathway into the canal of Schlemm by placing a thermal lesion around the trabecular
mesh^^ or by generating an acoustic shockwave to disrupt the trabecular meshwork
locally^*. Green Argon ion laser light (514 nm) has been routinely used in
ophthalmology as one of the first successful laser therapies^^. Applications include the
effective treatment of retinal detachment, macular degeneration, and proliferative
diabetic retinopathy. For some of these therapies, the laser is the only effective method
o f treatment.
Dermatological Applications. There is no alternative to the laser in the
treatment of dermal vascular lesions^®'^* (port wine stains). Although this is not a lifethreatening pathological condition, patients suffering from such lesions on exposed areas
of the body often seek help for cosmetic reasons. Furthermore, in severe cases, port
wine stains often cause extreme psychological distress. The optimal treatment for port
wine stains, which can depend on the age of the patient, has been identified as being
provided by the flashlamp pumped dye laser emitting at a wavelength of 585 nm and
a pulselength of about 0.5 ms“ . Theoretical considerations^^’^ have reinforced the
clinically observed high rate of success with this laser. Other applications in
dermatology include the financially very rewarding removal of tattoos^. The physical
principle common to both these dermatological therapies is the confinement o f the
physical effect of the laser light to the lesion volume, either the small capillary blood
vessels of the port wine stain or the pigment particles of the tattoo dye, thereby
achieving maximum selectivity and minimal damage to surrounding tissue. In both cases,
the wavelength and the duration of the laser pulse is selected carefully to match the
optical and thermal properties of the target.
Lithotripsy. Short, powerful laser pulses have been applied to stone
fragmentation^ as an alternative to extracorporeal lithotripsy (ECL), a technique based
on the generation of acoustic shock waves outside the body. The underlying principle
of the laser technique relies on an optical breakdown close to the target, either on the
surface o f the stone^ or in the liquid between the stone and the end of the laser light
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delivery fîbre^*. The plasma formation results in an intense pressure wave which leads
to destructive stresses being imposed onto the stone. The laser wavelength may be
chosen according to the pigmentation of the stone, or a particular irrigation liquid^^
may be used to increase the probability of optical breakdown. The flashlamp pumped
dye laser at 1 |is pulse length or, more recently, the Q-switched Nd:YAG laser are often
used in this technique^®. An alternative has been found with the Alexandrite laser
(tunable between 730 and 780 nm). Laser lithotripsy is most successful as an alternative
to ECL in the treatment of ureteral stones^\
Photodynamic Therapy,

pdt

has been the subject of intense research effort for

some decades^^. Its physico-chemical principle is believed to be the generation of toxic
singlet oxygen resulting from the interaction o f tissue oxygen with an exogenous
photosensitiser which is itself sensitised through absorption of light within a specific
spectral range^^. The technique is predominantly applied to the therapy of cancers
within body cavities and of the skin. Although there is some selectivity in the retention
of the photosensitiser by cancerous cells compared to normal cells, the therapeutic effect
may not always be confined to the diseased tissue. Research in this area is devoted to
improvements in dosimetry and a search for new, improved photosensitisers, particularly
ones which are activated by longer wavelengths where optical penetration of tissues is
higher. Common to all PDT photosensitisers is a relatively broad absorption in the visible
red or NIR parts of the spectrum^^. These wavelengths are used for excitation, either for
therapy or diagnosis through generation of fluorescence.
Photocoagulation. The distributed heat source generated by Nd:YAG laser light
in tissue has been used for the thermal coagulation of bleeding from large diameter
arteries. A typical example where the application of laser light may be the therapy of
choice is the treatment of upper gastrointestinal bleeding^. Directed through a small
diameter optical fibre positioned within the operating channel of a flexible fibre optic
endoscope, the laser light induces heating of the tissue which can seal, for example,
bleeding ulcers. The underlying mechanism is a shrinkage of the surrounding tissue
following dénaturation. This leads to a constriction of the vessel and the subsequent
formation of a thrombus. Most frequently, the NdiYAG transition at 1.064 |im is used
for this technique, but the 1.32 pm transition has also proved effective. There are
numerous other endoscopic applications using the NdiYAG laser, including the palliation
o f some inoperable tumours of the oesophagus^^, bronchi^®, colon^^ and rectum.
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Common to all these therapies is the use of laser energy to generate heat in the tissue
producing temperatures above the thermal damage threshold. They also show the great
strength of the laser as a surgical tool when combined with the use o f an endoscope. For
the treatment of some conditions, lasers have been shown to offer advantages in respect
of less patient discomfort, shorter hospital stays, and (sometimes) reduced treatment
cost^*.
Welding. A further example where heat dénaturation of tissue following laser
irradiation may provide a therapeutic effect is the anastomosis of small blood
vessels^^'""^. The denatured ends of collagen fibres present in the arterial walls have
been identified as the source of adhesion between the two ends of the vessels^\ The
CO2 laser at wavelength of 10.6 pm and the Nd:YAG laser emitting at 1.064 pm have
each found use in this technique.
Interstitial Photocoagulation. In the treatment of cancers, particularly of the
breast and the liver, low power 1.064 pm NdiYAG laser light has been used to generate
necrotic lesions which are subsequently replaced by benign scar tissue'^^. Large volumes
of thermal damage (up to 30 mm in diameter) have been successfully attained using
several fibres which distribute the light and heat source"^^"^ and locally destroy

tumours^^’"^®.
Photothermal Ablation. Reaching the long wavelength extreme of the spectrum
of therapeutic applications, laser techniques are concerned more with the cutting and
ablation rather than the coagulation of tissues. The dominance o f the ablative effect in
the IR is caused by the deposition of energy in a relatively small tissue volume due to
the high absorption of IR wavelengths by water, a major constituent of tissues. The most
commonly used "laser scalpel" is the CO2 laser, emitting at 10.6 pm, which has long
been used in medicine and surgery to incise tissue"^^. Its effects on tissues have been
analyzed in great detaif*'^^. The recent technical advances in solid state laser
technology have provided genuine alternatives which may present possible improvements
to this standard. Noteworthy are the Er:YAG laser^®’^^ at 2.94 pm, the Ho:YAG
laser^^*^^ at 2.1 pm, and a newly utilized transition o f the NdiYAG laser^ at
1.44 pm all of which still have yet to find their way into routine clinical practice. By
using short laser pulses at wavelengths which are absorbed strongly, such as 2.94 pm,
residual thermal damage to tissue can be minimized^^. This may offer the possibility
o f predictably and reproducibly generating the desired thickness o f thermal damage, in
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particular when two wavelengths are combined. Beside their technological advances, the
shorter wavelength of these solid state lasers may enable the delivery of the light using
optical fibres^^ which would extend their potential applications to flexible endoscopic
surgery. This could eventually make IR solid state lasers the instruments o f choice for
most applications.

1.1.2

Diagnostic applications

The diagnostic uses of light may be classified into the determination of
physiological parameters and the acquisition o f anatomical information. Again, the
following selection of examples is by no means complete.
Oximetry. Early diagnostic applications of light to tissue involved the
determination of oxygen saturation. Based on changes in the absorption of haemoglobin
(see Section 2.2), Nicolai showed in a series of two papers^^*^* changes of
haemoglobin oxygenation of a hand. Shortly after Nicolai, Matthes and Gross developed
one of the first instruments for tissue oximetry^^. An excellent collection of articles and
reviews on oximetry is available^. The development of pulse oximetry enabled the
direct determination of the oxygen saturation o f arterial blood^\ The technique utilizes
the repetitive change in attenuation due to small changes in arterial blood volume with
each heart beat. Background attenuation caused by tissue scattering and residual
absorption due to other tissue chromophores and haemoglobin in the capillaries and the
venous compartment could thus be disregarded. Recent advances both in technological
developments^^

and

in

the

application

of

physical

principles^^’^ ’®^ in

NIR

spectroscopy allow the quantification of changes in tissue attenuation in terms of
changes in the concentration of tissue chromophores. Of particular interest for the
determination of tissue oxygenation and haemodynamics are concentration changes in
oxygenated and deoxygenated haemoglobin, and in cytochrome aa^. From dynamic
changes in haemoglobin concentrations, clinically relevant data such as cerebral blood
volume^ and cerebral blood flow®^ can be derived. This technique has been
developed predominantly for, and very successfully been applied to, neonatal intensive
care. Currently emerging applications include the measurement o f fetal cerebral
oxygenation during labour^*, patient monitoring of cerebral oxygenation during
anaesthesia^^, and the assessment of vascular disorders in the limbs^°.
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Blood flow. The assessment of microcirculation in the skin and the determination
o f blood flow by means of a laser doppler flow technique was first demonstrated by
Stem^‘. Light being scattered back from erythrocytes undergoes a Doppler shift
according to their velocity relative to the angle o f incidence of the laser light. The data
can be quantified, and diagnostically meaningful data in terms of speed (m/s) and flow
(mVs) can be obtained^^^^.
Photoacoustic spectroscopy. Photoacoustic spectroscopy (p a s ) may also be used
to assess physiological parameters. The determination of blood glucose concentrations
by means of PAS has been investigated in vitro with the unlikely prospect o f the
development of a non-invasive in vivo technique to measure glucose levels of
diabetics^'*. An application to ophthalmology was suggested by Spahn^^. His
experimental observations suggest that it may be possible to determine the intraocular
pressure using

pas.

By means of thermoelastic waves generated by short laser pulses it

may be feasible to distinguish between differently pigmented tissues and obtain
structural information about layered tissues. A potential application is the diagnosis of
diseased areas in blood vessel walls to evaluate and control the effect o f laser
angioplasty^®. This technique is in an early stage o f development and has yet to show
that differentiation between normal and diseased areas o f arterial tissue and measurement
of the thickness of a lesion is possible in vivo.
Imaging. Recently, significant attention has been paid to the use of NIR light as
a new imaging modality. The aim of the technique is the generation of a tomographic
image of variations in either absorption or scattering coefficient from data of diffuse
light intensity emerging from the illuminated tissue. Transillumination of parts of the
human body has been explored for several years^*^* and relies on the relatively low
attenuation of light by tissues between 700 and 1000 nm. The principle o f time resolved
spectroscopy®^’^’’*®which employs short laser pulses (ca.
1 0

1

ps) and a fast detector (ca.

ps temporal resolution) has given new promise for the development o f such an

imaging system. Theoretical work is under way to find solutions to the inverse problem
to obtain tomographic images from experimental measurements of the mean time delay
of short laser pulses or the phase shift o f a frequency modulated light source in

tissues**’*^’*^.
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1.2

P h y s ic a l

b a s is f o r s c a t t e r in g a n d a b s o r p t i o n o f l ig h t

We experience the effect of scattered light every moment we "see" an object in
our environment with our eyes. Seeing our hands, for example, requires that a fraction
of the light falling onto the skin is redirected in some way and eventually reaches our
eyes. Light is being scattered from our skin into our eyes. The physical principle of
scattering is the same for all objects. It requires some degree of heterogeneity of the
object on a molecular level. If an electromagnetic wave is penetrating an object,
oscillatory motions of the electrical charges (electrons and protons) comprising all matter
are induced. But these oscillating charges re-radiate an electromagnetic wave themselves.
If there is no change in energy between illuminating and emitted electromagnetic wave,
i.e. if the wavelength stays the same, the light is scattered elastically. Inelastic scattering
is observed, e.g. in Raman scattering or Brillouin scattering, when there is some degree
of energy difference between the incident and emitted electromagnetic wave. Absorption
of light means there is no emission of a secondary electromagnetic wave, but the energy
content of the incident wave is transformed into other forms o f energy (e.g. molecular
vibrations, thermal energy).
It is difficult and unnecessarily complex to describe the penetration of an
electromagnetic wave in optically dense media on a molecular level. Instead, the use of
the complex refractive index (the real part of the complex refractive index n+ik is
commonly used in diffractive optics) can adequately describe the bulk optical properties
of a particle as small as 10 nm diameter. The complex refractive index summarizes the
optical properties of the molecules of an object and therefore depends on the properties
of the individual molecules. It depends also on the density of molecules in the medium.
Hence, local fluctuations in density are the source of scattering in otherwise
homogeneous media. The real part {n) of the complex refractive index determines the
magnitude o f scattering by an object, whereas the imaginary part {k) defines the amount
of absorption. This description is commonly referred to as anomalous dispersion, a
general analysis of which can be found, for example, in Jenkins and White^.
Refractive index inhomogeneities within tissues are predominantly caused by
particles of different molecular composition, and hence different refractive index,
compared to the surrounding medium. Since the shape of particles in tissue is
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multifarious and their molecular constitution is heterogeneous in most cases, the
theoretical treatment of the scattering of an electromagnetic wave by such a particle is
extremely difficult, if not impossible in most cases. Nevertheless, if the particle is
considered to be composed of numerous dipoles distributed over its volume, a qualitative
approximation of the resulting scattered wave may be obtained by superimposing the
secondary waves from each of the dipoles. This is a simplified model because, in
practice, the interaction between individual dipoles cannot be ignored. In general, if the
dimensions of the particle are small compared to the wavelength, an isotropic scattering
pattern is obtained {Rayleigh scattering). This is because the phase shifts between the
secondary electromagnetic waves are small. The larger a particle is, the more important
constructive and destructive interference between the emitted waves becomes. A
complicated angular scattering distribution is the result.

1.2.1

Terminology in tissue optics

If a parallel beam of light is incident on a particle, part o f it is absorbed and part
of it scattered. Absorbed light is dissipated as thermal energy. Scattered light changes
direction but keeps its energy. Throughout this thesis scattering is always used in the
meaning of elastic scattering, since processes involving inelastic scattering in tissues are
regarded as being negligible at IR wavelengths. When light is being scattered or
absorbed by a particle, a reduction of light intensity can be measured compared to the
intensity without the particle obstructing the beam. According to the magnitude of this
effect the particle can be characterised by a total or extinction cross section a, which is
the sum of scattering cross section a, and absorption cross section a^.
a,=a^+a^

(1 - 1 )

By taking into account the number of particles per unit volume N/V, a total attenuation
coefficient

again comprising the sum of the scattering coefficient
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and the

absorption coefficient

can be attributed to a collection of the particles^:

The single scattering albedo a is simply defined as the ratio p/ji,. Commonly, the
extinction properties of particles are expressed in form of an extinction "efficiency"
by dividing (5, by the cross sectional area of the particle. The physically more relevant
and meaningful parameter is, however, the volume attenuation coefficient a, which is
the extinction cross section per unit particle volume, v (again, a, can be expressed as the
sum of a , and a.:
o

(1-3)

“ ■ 'T

This is proportional to p, with a proportionality factor given by the volume fraction
f=Nv!V,
To complete the description of single scattering, the angular distribution of
scattered light has to be included. The probability o f scatter from an initial direction
to a final direction § can be expressed in the form o f a differential scattering coefficient
dp,(f’vS) if it is assumed that it is independent o f the direction o f the incident light, i.e.
the scatterers are randomly organized. Normalized over the solid angle, this will provide
the scattering phase function (SPF)/(f’,s):

A S ' , S ) =j—

1------- d ti.(j'.f)

(1.4)

Weighted by the SPF, a mean cosine of scattering angle, g, also called the anisotropy
parameter, can be calculated:

t

Pg is also found in the simple exponential relationship described by the LambertBouguer law: I^=lQCxp(-\i^d) where Iq describes the incident intensity and the
intensity measured when Iq is attenuated by a slab o f absorption coefficient p^
and thickness d. In fact, p^ can also be expressed in terms o f the complex
refractive index as \i^=4nk/X,
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fi.^) cos(û) dOf

1

(1-5)

} is the angle with respect to the direction o f the incident light and azimuthal symmetry

is assumed for the integration over the whole solid angle O. The product |i,(l-g) is
called the reduced scattering coefficient (or transport scattering coefficient) and, together
with the absorption coefficient p.^, is a key parameter for the analytical solution o f light
transport models (see Section 1.3.2). A comprehensive summary of relevant terms in
tissue optics was given by Patterson et al.*^. Since there is still a lack of a common
terminology in tissue optics, where possible the nomenclature in this thesis was chosen
to be identical to that of Patterson et al.
The practical measurement of p,, p^ and the SPF involves a number of
experimental difficulties, and, to some degree, the solution to an inverse problem. The
inverse problem, in this case, is defined as the search for a set of parameters (p,, p„
SPF) which give rise to a set of observables (eg. reflectance, transmittance, fluence rate
in the object). The difficulty arising in tissue optics is that the latter depend not only on
the optical properties, but also on the geometry of the object. In contrast, the forward
problem is defined as the calculation of macroscopically observable parameters from a
given set of optical properties. A solution to this inverse problem is used in Chapter 5
to determine p^ and p, of tissues. Examples of resulting light distributions are presented
in Chapter

1.2.2

6

using a numerical model to solve the forward problem.

Scattering by spherical particles

There is an analytical solution to calculate scattering and extinction cross sections
of spherical particles as a function of particle size, wavelength o f irradiating light and
refractive index (Mie theory). An excellent source of information on the scattering of
light by small particles is available^. Single particle scattering describes the scattering
of an electromagnetic wave by either a single particle or a collection of particles where
the number of particles per unit volume is low enough that the event where a wave
scattered from one particle is subsequently scattered by a second particle is negligible.
In general, single particle scattering and Mie theory of scattering by spherical particles
in particular, is not directly applicable to tissue, where multiple light scattering
dominates and this condition is not fulfilled. Models o f radiation transport may be
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Figure 1.1: Mie theory calculation of the scattering of 1.064 jim light by particles
o f varying radius and relative refractive index A^i//V=1.053.
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applied instead (see Section 1.3 and Chapter 4). Furthermore, objects in living tissue are
shaped very irregularly and vary in size. Nevertheless, a brief discussion of the
scattering properties of particles similar in size to the scattering objects found in tissue
(see Section 1.2.3) reveals general features which may also be found in the analysis of
bulk scattering properties of tissues.
Gustav Mie’s description of the scattering of a plane electromagnetic wave by
a spherical particle^ is exact since it is the solution of Maxwell’s equations in a
spherical geometry. It is also a complete theory. The scattering o f the whole spectrum
of electromagnetic waves by all sizes of spherical particles is described well by this
theory. The applications range from atmospheric scattering across radar to astronomy.
The solution is an infinite sum (shown here only for the scattering cross section, but a
similar expression can be obtained for the extinction cross section)

®.=-TT Z (2«+l)(|a.p+ |6,P)
n -\

where the expressions <3 „ and

contain somewhat irritating modified Bessel functions

and take into account the ratio m of the complex refractive indices of particle {N^) and
surrounding medium {N):

(1-7)
N

n+ik

Computer programs are available to calculate the extinction cross sections for an
arbitrary particle radius and wavelength. Such a program can be found in Bohren and
Huffmann“ . The speed of convergence is determined by the size parameter

(1-8)

X

where a is the particle radius and X is the wavelength of the incident electromagnetic
wave. An example of the use of Mie theory is shown in Figure 1.1 and Figure 1.2. The
parameters have been chosen to be similar to those which may be found for particles in
tissue (see Section 3.2 and 5.3).
Figure 1.1 shows a set of Mie theory results for volume scattering efficiency a.
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as a function of particle radius for a fixed illuminating wavelength o f 1.064 |im and a
fixed refractive index. In Figure 1.1(a)

is plotted as a function o f particle radius for

a relative refractive index of 1.053 (the imaginary part of the refractive index was
chosen as 0 for the calculation, such that no absorption occurs). The volume scattering
efficiency is very small for small particles (Rayleigh scattering with lA"* dependence for
a particle radius smaller than 250 nm) and increases towards larger wavelengths. It starts
to drop again for particles very much larger than the wavelength. The particle radius of
largest a , is about 3.5 p,m. Figure 1.1(b) shows the variation in g over the same
wavelength range. From isotropic scattering at small particle radii, the anisotropy
increases to strongly forward directed scattering for particle sizes o f the order of the
illuminating wavelength (1.064 p,m). In the case of multiple scattering, when the product
o f ( l- g ) and cCj has to be considered which is shown in Figure 1.1(c), the particle radius
of highest scattering efficiency is about

0 . 2

|xm.

Figure 1.2 is a similar graph where the effect of a variation in wavelength for
a fixed particle size has been investigated. The particle radius was chosen to be 1(X) nm
with a relative refractive index of 1.129. With increasing wavelength, the particle size
parameter (see Equation (1-8)) reduces and the resulting scattering properties, therefore,
move towards the Rayleigh regime. The result is a decrease in a , with wavelength, g
also reduces, and hence (1-g) approaches unity with increasing wavelength. This has the
consequence that the change in «^(l-g) with wavelength runs parallel to the decrease in
ttj itself. As will be seen later (see Chapter 5), this dependence can also be found in the
reduced scattering coefficient of tissue.

1.2.3

Origins of scattering in tissue

The most abundant material present in soft tissue is water with a refractive
index®* of

1.326 at A,= 1.064 pm. Refractive index variations which give rise to

light scattering originate from cellular structures predominantly composed o f proteins
and lipids. The refractive index of these structures o f cellular and sub-cellular
dimensions, which is usually higher than that of water, can be determined using either
o f two optical microscope techniques. These are quantitative phase contrast microscopy
and interference microscopy. The image produced by both techniques depends on the
phase shift imposed by a cellular structure, and hence the refractive index.
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Table l(i) Specific refractive index increments for tissue constituents to calculate
the refractive index from Equation (1-9). Data from Ross®’.
Substance

Specific refractive
index increment P

Blood constituents
Plasma albumin (bovine)
Serum albumin (human)
Serum globulin (human)
Fibrinogen (human)
Haemoglobin (human)
Beta-lipoprotein (more than 75% v/w lipid)
Amino acids
Glycine
Alanine
Valine
Tryptophan
Nucleic acids
DNA
RNA
Carbohydrates
Sucrose
Glucose
Starch
Diluted inorganic salts
NaCl
KCl
CaOz

0.001862
0.001862
0.001830
0.001880
0.001942
0.001700
0.001790
0.001710
0.001750
0.002500
0.001810
0.001940
0.001410
0.001430
0.001330
0.001630
0.001150
0.002100

An estimate of the refractive index of cellular solids may be obtained by
assessing their density®’. Proteins, lipids and amino acids are contribute most to the
density of cellular structures and may be regarded as being dissolved or finely dispersed
in water. Hence, the refractive index

of this solution can be calculated by assuming

a specific refractive index increment p above the refractive index of water
n. - n

PC,

(1-9)

where Q is the concentration of cellular solids expressed as a percentage weight divided
by the volume of the solution (% w/v). The specific refractive index increments for
various materials found in tissue are summarized in Table l(i). The data is taken fi"om
Ross®’ and, although reported for visible wavelengths, may be applied to IR wavelengths
as well, since the refractive index does not vary substantially with wavelength.
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1.2.4

Origins of absorption in tissue

The discussion in this thesis is restricted to wavelengths in the IR. Visible
wavelengths are excluded. The number of components providing a significant
contribution to optical absorption by tissue in the IR is small. Water dominates
absorption in the IR due to both its high absorption coefficient and its high concentration
in soft tissues. At wavelengths towards the short end o f the

n ir ,

below 1.2 pm, there

may be some significant contribution made by haemoglobin (see Section 2.2). The
absorption coefficient of water in the IR is shown in Figure 1.3. The data for this graph
is taken from a review of the optical constants of water by Hale and Querry**. A linear
scale was purposely chosen on the ordinate. The NIR region is also plotted on a higher
resolution axis (1/100 scale) to reveal the structure in the spectrum. Virtually all
publications have chosen a logarithmic plot when discussing water absorption and its
effect on light transport in tissue. Although necessary to reveal features in addition to
the fundamental absorption bands, logarithmic display may intuitively obstruct the view
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Figure 1.3: Absorption coefficient of water in the IR. Data taken from Hale and
Querry*®. Note the different scales used in the graph.
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of the enormous variation in the water absorption coefficient with wavelength, and may
lead to an underestimation of the dynamic range one has to deal with when investigating
absorption effects at different wavelengths in the IR. Between 1 and 10 |im the
absorption coefficient of water varies from 0 . 0

1

mm'^ to more than

1 0 0 0

mm^ - a range

of more than five orders of magnitude! The origins of tissue absorption and its
dependence on temperature are analyzed and discussed in more detail in Chapter 2.

1.3

M u l t ip l e

s c a t t e r in g o f l ig h t

It has been mentioned that Mie theory, and single particle scattering in general,
is practically impossible to apply to light transport in tissues. Attempts have been made
to solve Maxwell’s equations for multiple scattering^'^\ In general, a solution can be
found for a random medium with spatial fluctuations in refractive index^^. Although
such an approach is physically appealing, it is of enormous complexity. Furthermore,
a priori knowledge of the spatial random fluctuations in the refractive index is needed.
It seems virtually impossible to obtain this information to the required accuracy. A more
successful approach has been the theory of radiative transfer, aspects of and solutions
to which will be discussed within this section. For a general overview, there is an
excellent review by Patterson et al. of models of radiation transport and their application
to the propagation of light in tissue®^.

1.3.1

Equation of radiative transfer

The central equation governing the transfer of photons in a scattering medium
can be derived by evaluating the balance of radiance L(r,s) in an infinitesimally small
tissue volume. Such a volume is shown schematically in Figure 1.4. A net radiance
incident on the volume is attenuated according to the total attenuation coefficient of the
medium and the infinitesimal length ds:
dL(r,s) - -\i^L(r,s)ds
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(1-10)

<■

ds

■>

d n

L(r,§)

Figure 1.4: Schematic drawing to illustrate the contributions to the energy
radiance L(Q) in an infinitesimally small tissue volume.
To form the equation of radiative transfer two more terms have to be added on the right
hand side of Equation (1-10). These are a source term S(r,s) and the contribution of
light scattered from all directions s* into the direction f, the distribution of which is
given by the SPF (see Equation (1-4)).
dL{r,§) = -\x.^L{r,§)ds +

)^/Q'L(r,s') + 5(r,s)

(1 1 1 )

This equation is equivalent to the linearized Boltzmann particle transport equation which
finds use, for example, in neutron transport theory. The important feature of
Equation (1-11) is the term contributed by light scattered from all directions into the
forward direction §. This term is a weighted integral dependent on the SPF. If this term
was not present, a solution to Equation (1-11) would be easy to find. In this case, the
exponential decay of light penetrating ds according to the total attenuation coefficient
would satisfy the radiative transfer equation and the solution would be identical to that
given by the Lambert-Bouguer law. It is the term weighted by the SPF which both
includes the effect of multiple scattering and makes the search for analytical solutions
to Equation (1-11) sometimes awkward, often difficult and in most cases simply
impossible. There is no general analytical solution known and approximate solutions
often use boundary conditions which do not apply in real tissue.
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1.3.2

Approximate solutions to the equation of radiative transfer

Long before light transport in tissue had been considered as being a physically
interesting subject, approximate analytical solutions to Equation (1-11) had been
found’^. Applications include the scattering of light in the galaxy^, in planetary and
stellar atmospheres^, in ice and snow’^, in the ocean and in the atmosphere^.
However, problems of radiative transfer in the field of neutron transport^ were the
most extensively studied. Significant contributions to its use in tissue optics originated
from a 2-flux model, first reported by Kubelka and Munk^* and later applied to
tissue^, from functional expansion methods^ which were adapted to tissue optics by
Star et al.^°^'^°\ and from stochastic techniques. The latter method is discussed
extensively in Chapter 4 since this is the method of choice for the work presented in this
thesis. In general, the use of the 2-flux the method has gradually lost favour. In contrast,
functional expansion has become a very popular method, not least due to the availability
of fast numerical solutions (see Section 1.3.3). A review o f 2-flux methods in tissue
optics can be found in Patterson et al.®^.
A general set of functional expansions which can be used is the set of spherical
harmonics. It has been shown^^ that in the case of a homogeneous, infinite slab, the SPF
and the radiance can be expanded in terms o f the Legendre polynomials P(§\S) and
P(li), where p.=cos(û) with

derived from the orthonormality of the

# ' . f ) = 4 - è (2n +

(^i=g):

)

(1-12)

4TC n=0

and

L(z,n) = ± £ (2n + l) L ,( z ) /> »
4TC rt=o

If the expansion is terminated after the first term (the

d '1 3 )

approximation), an equation in

z similar to the general diffusion equation in r (Equation (1-14)) is obtained.
D V \/(r ) - |i^\|/(r) + 5 (r) = 0

(1-14)

D is the diffusion coefficient and is equal to (3(|i,+|is(l-g)))‘^ and \\f denotes the radiant
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energy fluence rate. Although there are examples where higher orders of the expansion
have been included*®’ when applied to tissues, the

(or diffusion) model is generally

preferred. The diffusion equation may be solved analytically for simple geometries. It
has been applied frequently to problems in tissue optics*®^ *®^.

1.3.3

Numerical solutions to the equation of radiative transfer

It has already been mentioned that numerical methods for the solution of
equations such as (1-11) and (1-14) are becoming increasingly important. The reason
behind this popularity is the availability of fast, relatively inexpensive computing
systems with adequately large memory. A method of particular interest is a finite
element (FE) solution to equations of the diffusion type (Equation (1-14)). There are only
few reports on the application of FE to tissue optics. Keijzer et al. mentioned the
suitability of FE for modelling light transport*®^ but presented only few results of such
an application. Recently, Arridge et al. have applied FE to the time dependent diffusion
equation*®^.
A second numerical solution to the radiative transfer problem has attracted
considerable interest in the past decade. The stochastic treatment of single scattering
events in the form o f a "Monte Carlo" (MC) technique has proved to be a very valuable
tool for tissue optics. The optical parameters used in this method are identical to those
required for the solution of the equation of radiative transfer. The physical charm of this
method lies in the close link of the simulation to the physical nature o f the interaction
of light with tissue. The main advantage of this method has been that, in general, it can
be adapted to any arbitrary geometry, as well as to the modelling o f inhomogeneous
media. Only the FE method provides comparable flexibility in this respect:

1.4

H eat

t r a n s p o r t in t is s u e

Heat transport in tissue, also called bioheat transfer, has been a dynamic, rapidly
expanding field of medical research. The study o f thermoregulatory mechanisms of the
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mammalian body has provided the fundamental concepts of heat generation and transport
in tissues^”®. Heat generation in mammals is based on energy production within the
metabolic chain. Heat transport can follow two physical pathways, diffusion according
to the specific physical heat diffusivity of the tissue and forced convection according to
the perfusion o f the tissue with blood. The energy balance o f any mammalian tissue can
be written down for a confined volume of tissue
- Ùu^ - W

(1-15)

=0

The single terms represent, from left to right, the rate of energy production by the tissue
due to metabolic processes, the rate of energy accumulated from external sources, the
rate of change in stored energy, the rate of energy lost to sinks outside the tissue
volume, and the work performed. Equation (1-15) enables the formulation of the bioheat
equation where the terms are expressed in thermodynamic quantities and the assumption
is made that no work is being performed.
VaVT(r,t) * L (t)[T (r,t)-T (r,t)] + S Ï lÛ . PC,

=0

(1-16)

dt

The quantities are the spatial and temporal temperature distribution T(r,f), the heat
source distribution q(r,t), density p, heat capacity c^, and thermal diffusivity a . ^ is a
combined term of all heat sources present. In the case of irradiation of the tissue by
laser light, this term is usually dominated by the distribution of absorption of radiative
energy and internal heat sources may be ignored. The second term describes the heat
transport due to perfusion with a time-dependent function L(t) describing the specific
flow rate and thermal capacity of blood in the tissue. The amount o f heat transported
by perfusion can be assumed to be directly proportional to the difference between the
temperature of the arterial blood Tjir,t) and the temperature of the tissue*®^. This may
be described as a modified Pick’s law. When the tissue is subject to significant heating
from a light source, L(t) may follow a complicated course with time. It has been seen
that blood flow increases during laser hyperthermia due to dilation of blood vessels^®^
before dropping sharply when coagulation of the tissue and the blood obstructs blood
flow.
Data on the thermal conductivity and diffusivity is available to a high accuracy
for a large number o f tissues^°*’^®’’“ ° and a review o f physical properties of
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Table l(il) Effective thermal diffusivities for various organs. Data taken from
Valvano et al.^^ "^
Tissue

Temperature

Effective thermal
diffusivities
[mmV‘]

37*C
37°C
37*C

0.135
0.160
0.260

Liver (rat)
unperfused
normally perfused
maximally perfused
Kidney (human)
normally perfused
maximally perfused
Heart (human)
normally perfuse
maximally perfused
Aorta (human)
normal tissue
normal tissue
calcified plaque

0.390
0.475
0.185
0.390
•

35X
90*C
35^:

0.127
0.156
0.132

tissues” ^ provides a comprehensive selection o f data. If the perfusion o f the tissue is
known, an effective thermal diffusivity can be defined which incorporates the heat loss
due to both diffusion and perfusion"^. Of course, this assumption is only valid if
perfusion stays constant. When perfusion increases above normal levels, it may become
the most significant form of heat transport and can lead to an effective thermal
diffusivity three times as high as in normally perfused tissues"^. Table l(ii) summarizes
the effective thermal diffusivities for various tissues. The data was either taken directly
from Valvano et al.^°^’^*^ or estimated from the perfusion of the different organs.
With the knowledge of tissue thermal diffusivity and blood perfusion, it may be
possible to find solutions to the bioheat equation (Equation (1-16))“ ^. Numerical
solutions, such as the FE method suggested above for the solution of the equation of
radiative transfer (see Section 1.3.3), may be applied when a solution for inhomogeneous
tissue or arbitrary geometries is needed. In Chapter 6, a FE model is used to calculate
the heat transport in tissue during pulsed laser irradiation and examples are presented.
These thermal histories may be used to predict the thermal damage to the tissue when
rate process models of tissue coagulation, such as those presented in Chapter 3, are
applied. The thermal damage to the tissue may involve the obstruction o f blood vessels
which are providing some degree of heat transport and therefore may change the term
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L{t) in Equation (1-16) considerably. This reduces the effective thermal diffusivity and
may lead to higher local temperatures due to the accumulation of heat.

1 .5

A GUIDE TO THIS THESIS

This thesis is concerned with optical properties of tissues and their changes with
coagulation. A survey of literature on changes in optical properties o f tissues and the
thermal interaction with laser light, therefore, stands at the beginning (Chapter 2). The
physical background of a dynamically changing water absorption with temperature is
assessed and its significance to non-ablative laser irradiation evaluated (Section 2.1).
Changes in scattering coefficient with tissue coagulation have been reported only
recently. The few publications available on this topic are reviewed and the experimental
techniques discussed (Section 2.4). Results and mechanisms of thermal damage to tissue
are the topic of Chapter 3. Processes involved in the dénaturation of proteins are
reviewed (Section 3.1), results from transmission electron microscopy on rat liver are
presented (Section 3.2), and an experimental technique for the examination of
coagulation kinetics of tissues is introduced (Section 3.3) before a statistical model of
cell survival is used to speculate on the possible cause of cell death (Section 3.4).
Chapter 4 introduces a MC model of light transport in tissue. The geometry and
principles o f this stochastic model are described and the model is verified by comparing
results with those obtained from analytical models. Experimentally determined optical
properties of three different tissues and the changes with thermal damage are presented
in Chapter 5. These tissues are rat liver, human aorta and human prostate. The rat liver
was chosen as a "model" tissue to demonstrate the phenomenon whereas the human
tissues were included for their potential as possible targets o f laser therapies currently
under clinical evaluation. Both the angular dependence of the scattering (Section 5.1)
and the transport coefficients (Section 5.2) were measured for these tissues. Additionally,
a method for the estimation of tissue refractive index is presented (Section 5.3).
Chapter

6

makes use o f the experimentally determined optical properties by modelling

light distributions within tissue. The resulting temperature distributions are then used in
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a hybrid model combining the MC model of light transport with a FE model of heat
transport (Section 6.4). Three appendices are included to deal with technical aspects of
the experimental method. These are a description of the electronic and mechanical
components of the data acquisition apparatus (Appendices A and B) and a short
summary of the integrating sphere theory applied to the experimental results
(Appendix C).
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C hapter 2

A n a l y s is

a n d r e v ie w o f t h e o p t ic a l p r o p e r t ie s

OF TISSUES AND THEIR CHANGES WITH TEMPERATURE

"The classification o f the constituents o f a chaos, nothing less here is essayed"

H e r m a n M e l v il l e ,

Moby-Dick

Biological tissues when heated above specific threshold temperatures change their
functional, structural and chemical constitution. This process is mostly referred to as
tissue coagulation or tissue dénaturation and is analyzed in detail in Chapter 3. There,
it is shown how this complex process involves chemical changes in a large number of
different cellular proteins, structural changes in cell parts, such as membranes or
organelles, and structural changes in the intracellular matrix. For a number o f tissues this
structural and molecular change is observable macroscopically as a change in the
interaction of light with the tissue and may be quantified as a change in optical transport
coefficients. A clear example of this effect is the change in the visible appearance of
meat when cooked. During the process of cooking, it usually changes its colour from
dark red to grey.
It is the purpose of this chapter to review existing reports on the changes in the
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optical properties of tissues resulting from the thermal interaction with laser light^. This
chapter is divided into two main parts. The first part, Section 2.1 and Section 2.2,
includes a review of the physical causes of changes in the absorption coefficient whereas
the second part. Sections 2.3 and Section 2.4, deals with the changes in scattering,
predominantly changes in the scattering coefficient, which have been reported by a
number of workers.
Recently, there has been renewed interest in the changes in the water absorption
spectrum with temperature to help describe experimental results on the laser ablation of
tissue^ Since the main constituent of soft tissue is water, and tissue absorption in the
IR is dominated by the absorption properties of water in the absence of other endogenous

chromophores, it is worthwhile to discuss water absorption in detail and to estimate
changes in its absorption with temperature at the wavelengths and temperatures
considered in this study (see Section 2.1). The contribution of haemoglobin to the
absorption is evaluated in Section 2.2 and compared to the contribution by water.
Sections 2.3 and 2.4 are concerned with irreversible changes in scattering coefficient due
to thermal dénaturation of tissues. There are only a few publications which report a
quantitative assessment of these changes since this phenomenon has attracted interest
only recently. A number of earlier references describing qualitatively the observable
changes in the optical appearance of some tissue types have therefore been included in
this review (Section 2.3). These qualitative reports are followed by a review and tabular
summary of the more recent quantitative results (Section 2.4). Reports on changes in
optical properties other than absorption and scattering during laser irradiation, namely
changes in birefringence and changes in refractive index, are presented in the interests
of completeness at the end.

t

Transient non-linear optical effects arising from high power densities typically
achieved during ablative laser action have been excluded from this review. The
emphasis here lies on the changes in the optical properties at temperatures typical
for laser coagulation.
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2 .1

A b s o r p t io n

by w ater

Tissue absorption at wavelengths in the IR part of the optical spectrum is
dominated by the absorption properties of water. This is due to the high water content
of virtually all soft tissues and the lack of other chromophores with comparably strong
absorption in this wavelength region. Water content o f soft tissue is typically 80% by
volume"^. Later, it will be shown that only at the short end of the NiR (below 1.2 |im)
does haemoglobin, predominantly in its oxygenated form, contribute significantly to the
overall tissue absorption.
Light absorption by water at IR wavelengths is related to vibrational molecular
transitions generating a complex absorption spectrum with numerous absorption bands
resulting from fundamental transitions, overtones and combined transitions. A discussion
of the absorption properties of water and its physical background is therefore seen as
being essential to assess the experimentally determined in vitro absorption coefficients
o f tissue and to predict tissue absorption at wavelengths which were not the subject of
the experimental studies in this work.
Attention is also given to changes in the water absorption with temperature. A
significant change in the absorption during therapeutic heating of the tissue would have
a non linear impact on the heat deposition. The changes at 1.064 p.m, 1.320 pm, and
2 . 1

pm are estimated, and a judgement is made as to whether this change does have a

significant impact on the interaction of laser light with tissue in typical surgical
applications.
Although the majority of publications on vibrational spectroscopy including the
structural analysis of water make use of wave numbers (units: cm~^) to display spectra,
throughout this thesis the spectra are plotted versus wavelength (units: nm or pm). Data
taken from other publications have been converted to wavelength where necessary.
However, it was practical to use wave numbers during the discussion o f the molecular
structure of the water molecule and its fundamental transitions. When the term "water"
is used on its own, liquid water is denoted in contrast to "water vapour".
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2.1.1

Molecular structure of water

Generally, two different absorption mechanisms can be distinguished which have
a significant contribution to the attenuation of light by water molecules. These are (1)
transitions between electronic energy levels in the oxygen and hydrogen atoms and (2 )
transitions between molecular energy levels. Electronic transitions are only possible by
absorption of photons in the ultraviolet region. A discussion of this absorption
mechanism is therefore discarded. Molecular transisitions, which are transitions between
vibrational and rotational energy states of the water molecule, are caused by absorption
of photons of the NIR and IR region. The structure of the water molecule itself and the
intermolecular forces between the water molecules in the liquid and solid phases
determine the absorption properties in this wavelength region. Vibrational spectroscopy
of water has therefore been a very successful technique in the analysis o f the molecular
structure of the water molecule"^ "^.
Many of the unique physical and chemical properties of water can be explained
by its highly polarised molecular structure (for an introduction to the structure and
properties of the water molecule, see, for example, Eisenberg and Kauzmann” *). The
electron density of the valence electrons is higher close to the oxygen atom and lower
at each of the two hydrogen atoms thus generating a polarized charge distribution within
the molecule. The higher probability of an electron being found around the oxygen atom
creates a net negative charge at the oxygen end of the molecule and leaves a net positive
charge at the two hydrogen ends. This charge polarization forces the molecule into the
structure of an isosceles triangle (see Figure 2.1) in its unexcited state. The apex angle,
given by the energy minimum for the charge distribution within the molecule, is
0 = 104.52° (± 0.05°). This angle is known to a remarkable accuracy from rotational

O xygen

H ydrogen

OH

OH

H ydrogen

Figure 2.1: Schematic of the molecular structure of water. See text for details.
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Figure 2.2: The three fundamental vibrations of the water molecule and their
observed absorption frequencies.

spectroscopy and the observation of far IR bands. The bond length (the distance between
a hydrogen nucleus and the oxygen nucleus) in the unexcited state is Dq^j = 0.9572 Â
(± 0.0003 Â).
Vibrational-rotational transitions are the cause of absorption of radiation by the
water vapor molecule in the region from 0.54 to 9 pm. Beyond 9 pm, only rotational
transitions contribute to the absorption. The possible axes a, b and c o f rotational energy
transitions are shown in Figure 2.1. Both spinlike rotations around axis a and
asymmetric rotations around axes b and c are possible. Figure 2.2 shows three examples
of normal vibrations of the water vapor molecule. There are three fundamental
vibrational

energy

transitions.

These

are

a

symmetric

stretching

vibration

(Vi = 3656.65 cm"^), a symmetric bending vibration (Vg = 1594.59 cm”^), and an
asymmetric stretching vibration (v, = 3755.79 cm"^). The corresponding resonance
frequencies are visible as strong absorption bands located at Xi = 2.735 pm,
X2 = 6.271 pm, and ^ = 2.663 pm. These values for the resonance frequencies and the
corresponding centre locations of the absorption bands are experimentally observed
bands"^'^^°.

2.1.2

Water vapour

The various possible vibrational, rotational and combined energy transitions result
in a very complex absorption spectrum o f water vapour in the IR. A computed
absorption spectrum of water vapour is shown in Figure 2.3. The spectrum was taken
from a textbook on radiation transport in the atmosphere*^^ where a review of the
absorption properties o f water including a representative number of references can be
found. Table 2(i) summarizes the spectral regions and the experimentally observed band
center positions occupied by the absorption bands together with their denominations and
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Figure 2.3: Computed absorption spectrum of water vapour and the nomenclature
used for various absorption bands in the infrared. Spectrum taken from
Kondratyev^^t
Table 2(i): Absorption bands of water vapour in the spectral region between 0.54
and 9 }im, together with the experimentally observed band centre positions and the
corresponding quantum numbers of the upper state.
Denomination of
Band

Quantum
numbers

Absorption
frequencies of band
centres [cm'*]

Spectral
Region [pm]

Band Centre
Position [pm]

a

0.70 - 0.74

0.718

0.8 p

0.79 - 0.84

0.810

Vi

V3

pax

0
2

0
0

3
1

11032.36
10613.12

0.926 - 0.978

0.906
0.942

<D

1

1

1

8807.05

1.095 - 1.165

1.135

Y

1
0

0
2

1
1

7251.6
6874

1.319 - 1.498

1.379
1.455

n

0

1

1

5332.0

1.762 - 1.977

1.870

X

0
1

0
0

1
0

3755.79
3656.65

2.520 - 2.845

2.663
2.735

3.2 p

0

2

0

3151.4

2.994 - 3.571

3.173

6.3 p

0

1

0

1594.59

4.878 - 8.695

6.271
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their corresponding quantum numbers. It is obvious that between separate absorption
bands a wavelength range of very low absorption exists (see Figure 2.3). The absorption
bands in the visible and near infrared (a,

0

.8 p, p, a, x, d>, Y and O) are caused by

overtones of the fundamental vibrational transitions v^, V2 and V3 . This can be seen in
Table 2(i) where quantum numbers larger than one and combinations of quantum
numbers of the upper state are designated to these bands.

2.1.3

Liquid water

So far, the discussion has been restricted to an isolated water molecule, non
interacting with neighbouring molecules. In tissue, as in liquid water, the situation is
different. Although transitions of the vibrational state occur, the neighbouring water
molecules restrict the vibration. This is due to strong inter-molecular forces (hydrogen
bonds) between water molecules in the liquid phase. These forces strongly affect the
resonance frequencies of the transitions and hence the absorption spectrum which is
found in liquid water. The reason for a temperature dependence of the water absorption
(see Section 2.1.4) can be explained ultimately by the impact hydrogen bonds have on
the vibration.
The absorption spectrum of liquid water is shown in Figure 2.4. The data was
taken from a review of published extinction coefficients k(X) and refractive indices n(k)
for water by Hale and Querry®*. The authors have undertaken a valuable literature survey
of publications summarizing experimentally determined values of water extinction at
25°C in the wavelength region, 2(X) nm to 200 pm. They displayed the results of their
review both in graphical and tabular form. Unfortunately, the wavelength separation
chosen for the table of extinction coefficients is not small enough for discussion of the
absorption at the short wavelength end of the IR. In particular, the overtone absorption
bands in the near infrared (P, 0 , 'F, and Q) are not apparent in the tabulated data.
Therefore, the data for the spectrum shown in Figure 2.4 was digitized from the figures
published by Hale and Querry using an adequate wavelength separation. As a control,
the digitized values were compared with the tabular values*® and data from original
publicationsWithin

a digitization error o f 3%, good agreement was

achieved. The Lambert absorption coefficient p. was calculated from the digitized values
of k(k) using
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u

= 4n

m

(2-1)

A logarithmic scale was chosen to display the absorption coefficient in Figure 2.4 to
cover the wide range o f values for p, in the near to mid infrared. As before, in the
spectrum o f water vapour shown in Figure 2.3, several absorption bands are visible. An
obvious difference between the two spectra is the lack o f distict areas o f very low
absorption between the bands in the liquid water spectrum (compare also Figure 1.3).
There is an underlying background absorption which shows an increase with wavelength.
A second, less obvious, difference is a shift o f the location of absorption bands towards
longer wavelengths in the water spectrum. Some absorption bands (Y, Q and X) show
more clearly a double structure in the spectrum of the liquid phase. For comparision, the
location of maximum absorption in the absorption bands for water and water vapour is
summarized in Table 2(ii).
Both the underlying background absorption and the shift in the location of the
absorption bands is a direct result of hydrogen bonds between water molecules in the
liquid phase. Hydrogen bonds lead to the formation o f clusters of water molecules which
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Figure 2.4: Absorption coefficient p. of liquid water in the near infrared and
infrared. Note the logarithmic scale for p,. Data taken from Hale and Querry®*.
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Table 2(ii): Absorption bands of water vapour in the spectral region between 0.54
and 9 |im.
Denomination of band

Band centre position [pm]
Water

Band centre position [pm]
Water Vapour

a

0.745

0.718

0.8 p

0.85

0.810

pox

0.98

0.935

O

1.18

1.130

Y

1.46
1.79

1.395

Q

1.98
2.52

1.870

X

2.97

2.68

3.2 p

4.69

3.2

6.3 p

6.1

6.04
6.50

reveal a similar internal structure to that of ice” ^” *. Several experimental techniques,
such as X-ray diffraction, NMR chemical shift, inelastic neutron scattering, vibrational
and Raman spectroscopy support this theory which is currently still the subject of
research^*. Clusters of water molecules are not seen as static aggregates but show a
constant reorientation ("flickering cluster") with time constants"® between

1 0

" and

10 " s. In comparison with water vapour, where only weak inter molecular forces exist,
hydrogen bonds and the formation of clusters restrict the vibration of the 0-H bonds of
a single molecule. In particular, the number of molecules which can rotate around all
possible axes (Figure 2.1) is reduced. The restrictions imposed on a molecule vary both
with time and with its local environment. Therefore, the resonance frequency of an 0-H
bond o f a single molecule varies with time. As a result, the absorption bands are
broadened and shifted towards longer wavelengths, and an overlap of bands is
possible"®'^^.
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2.1.4

Temperature dependence of water absorption

Figure 2.5 and Figure 2.6 show examples of the distortion o f water absorption
bands with temperature^^®’^^. Literature data on the temperature dependence at the
short end of the IR is comparatively rare. Most investigations into this phenomenon have
examined the fundamental vibrations around and beyond 3

and have

often employed heavy water as a solvent*^’^^^'*^^ to reduce the magnitude of the
absorption o f a sample at this wavelength. Generally, it can be observed that with
increasing temperature the absorption spectrum of liquid water moves more and more
towards the absorption spectrum of water vapour. The data o f the absorption spectrum
of water shown in Figure 2.4 are largely based on measurements made at room
temperature*® (25°C). Although Hale and Querry also used measurements made at
different temperatures, their review was purposely biased towards measurements done
at this standard temperature. However, a temperature dependence o f the extinction
coefficient was not discussed. A previous review of the absorption coefficient of water
by Irvine and Pollack*^^ addressed this topic in more detail. Based on measurements
reported by Collins^^ in 1925, a recipe was given to estimate the temperature
dependence of the absorption coefficients. Using a linear extrapolation formula, the
absorption coefficient \iJT) at temperature T can be related to the value

at the

standard temperature 7, by

H .m

=

■

[1 + /&(r-T)]

The coefficient A was determined from measurements of

(2-2)
(or k) at two greatly

different temperatures. The values given by Irvine and Pollack are shown in Figure 2.7.
Only slight variation with temperature is visible. The coefficient A is normally smaller
than 0.(X)5

Therefore, the changes in absorption coefficient are smaller than half a

percent for a temperature change of one Kelvin. In most cases, therefore, it is only at
temperature changes of 50 K or more that temperature effects are significant. The
wavelength separation of the temperature dependence given by Irvine and Pollack is
rather coarse. More recent data was used to gain a better resolution in some wavelength
regions and to confirm the results of Collins. From the data shown in Figure 2.5 and
Figure 2.6 and data obtained from Christison^'^, the temperature coefficient o f the
absorption was calculated according to Equation (2-2). Only temperature changes smaller
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Figure 2.5: Change in the T band of water with temperature. Data taken from
Choppin and Violante^^®.
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Figure 2.6: Change in the X band with temperature. Data taken from
Vodopyanov^^.
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than 100°C were used for these calculations. The results and the comparison to the data
from Collins, which was taken from the review by Irvine and Pollack"^, are also shown
in Figure 2.7. The agreement between the few more recent studies and the historical data
from Collins is mostly satisfactory. The data from Vodopyanov shows a larger deviation
from Collins’s data. This may be an effect of the high hydrostatic pressure (250 bar) this
data was collected at. The data from Christison also deviates considerably at
wavelengths below 1.2 |im. A negative offset in the data supplied, an obvious
experimental artefact, may explain this discrepancy.
The physical reason for the change in absorption with temperature is a weakening
of hydrogen bonds with increasing temperture"^'^^. As discussed previously, hydrogen
bonds restrict and change the frequencies of vibrational and rotational transitions. Since
a higher temperature leads to higher translation energy of the molecules, on average less
hydrogen bonds are formed and the average number of molecules confined to a cluster
is reduced. Spectroscopically, this results in a higher contribution o f "free" water
molecules to the absorption.
Finally, Table 2(iii) summarizes the temperature coefficients A for a selection of

O Irvine a n d Pollaclc (1968) Ic a ru s 8, p. 337
--C h o p p in a n d Violante (1972) J. Cbem. Phys. 36, p. 5892
Vodopyanov (1991) J. Chem. Phys. 94, p. 5391
C hristison (1992) PhD th e s is , p. 46
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Figure 2.7: Temperature coefficient A as a function of wavelength.
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3 .0

Table 2(iii): Temperature dependence o f the absorption coefficient of water at
selected wavelengths.
Laser

Wavelength
[pm]

A

p.(T=25°C)
[mm'i]

p.(T=100°C)
[mm’^l

% Change

NdrYAG

1.064

-0.0029

0.0125

0.0098

-22

Nd:YAG

1.32

-0.0004

0.142

0.138

-2.5

Nd;YAG

1.44

0.0031

2.94

3.64

24

Ho:YAG

2.1

-0.0012

2.81

2.57

-8.5

Er.YAG

2.94

-0.0037

1270

920

-28

laser wavelengths. Linear interpolation of the data from Collins was used to calculate
A at these wavelengths. The absolute change in absorption coefficient is calculated for
an increase in temperature from 25°C to 100°C. The relative change expressed as a
percentage is also given. From this data, it is obvious that temperature induced changes
in water absorption are neglible at 1.32 and 2.1 |im. The change at the third wavelength
considered in this study, 1.064 pm, may be considerable. A drop in absorption o f about
20% is predicted when the temperature is elevated to 100°C, a temperature which may
easily be reached during surgical applications of laser light at this wavelength. However,
the data used to draw this conclusion (see Figure 2.7) may not be reliable enough to
allow a judgement about the absolute magnitude of this effect and whether it has a
significant influence on the absorption coefficient during laser action. Nevertheless, it
indicates the possibility that it does change. Considering that 1.064 pm is one of the two
most popular laser wavelengths being used in surgery, it would be a worthwhile effort
to clarify this point.

2 .2

A b s o r p t io n

b y h a e m o g l o b in

Haemoglobin is a globular protein consisting of 4 protein chains (globulin) which
may differ slightly in structure. These globulin molecules are each grouped around an
iron atom. The molecular weight is 64,450. The main function of haemoglobin is the
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Figure 2.8: Specific extinction coefficient spectra of haemoglobin (Hb) and
oxygenated haemoglobin (HbOj). Data taken from Barlow and Polanyi^^^.

transport of oxygen from the lungs to the tissue, and the transport of carbon dioxide
from the tissue back to the lungs. Haemoglobin is packed in high concentration into
erythrocytes. Four oxygen molecules can bind to a haemoglobin molecule, one to each
subunit, to produce its oxygenated form (Hb02). Haemoglobin has strong absorption
bands in the visible part of the spectrum. In contrast, the NIR absorption is very small.
Measurable absorption can only be found below 1.2 fim. Figure 2.8 shows the specific
absorption coefficient in the wavelength range between 7(X) nm and 1.3 fim. The data
was taken from Barlow and Polanyi^^\ one o f the few reports on haemoglobin
absorption which present data beyond 1 }im. The distinct feature in the absorption of
deoxygenated haemoglobin (Hb) around 760 nm is obvious, as is an isosbestic point of
Hb and HbOj at 800 nm. A significantly larger contribution to absorption beyond 1 pm
is made by Hb0 2 The question arises, how does the haemoglobin absorption at these wavelengths
compare with the water absorption, which has been seen to increase beyond 1 pm (see
Section 2.1.3). Knowledge about the haemoglobin concentration in tissue is necessary
for a calculation o f the contribution of haemoglobin to the tissue absorption coefficient.
Unfortunately, accurate data on blood volume o f tissues which may provide this
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Figure 2.9: Estimated contributions to the tissue absorption coefficient by water
(80% by volume) and haemoglobin (84 fiMolar).

information is very rare. An evaluation of haemoglobin concentration for brain tissue
was given by Cope‘S. Using data on the mean red blood corpuscle haematocrit
concentration and the cerebral red cell volume, a haemoglobin concentration of
84 iiMolar^ was estimated. This value is expected to be similar for most tissues and
may therefore be taken as a rough approximation in the absence of reliable data.
The haemoglobin absorption coefficient corresponding to this concentration is
shown in Figure 2.9 in comparison to the water absorption. The water absorption
coefficient has been adjusted for a water concentration of 80% by volume in tissue. It
is obvious from Figure 2.9 that significant contribution to tissue absorption by
haemoglobin is only made below 1.1 |xm. It is also clear that only the contribution by
HbOg has to be considered for the purposes of this study. Hb absorption may be
neglected. At 1.064 |im, HbOg absorption is equal to or may even dominate the water
absorption. Furthermore, in muscle tissue, myoglobin which is known to have a very
similar absorption spectrum to that of haemoglobin may also contribute significantly to

This concentration refers to the functional unit of 4 haem groups with a
molecular weight of 64,450. The specific extinction coefficient in Figure 2.8 is
used accordingly.
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the tissue absorption.
Since HbOj absorption is significant at this wavelength, changes in absorption
with dénaturation may have to be considered in the change of the overall tissue
absorption. Unfortunately, little data was found in literature on the absorption of
denatured haemoglobin. Nevertheless, changes in the light attenuation o f an optically
thick layer of whole human blood due to deoxygenation and thermal dénaturation were
investigated by Halldorsson^^®. A decrease o f attenuation o f NdrYAG laser light with
deoxygenation was found which corresponds to the lower absorption coefficient of Hb
compared to Hb02 at 1.064 pm. Attenuation of denatured blood was similar to
oxygenated blood at this wavelength. This may be explained by a higher absorption of
denatured haemoglobin compared to Hb at this wavelength. Methaemoglobin, for
example, is known to have a higher absorption at NIR wavelengths than Hb02. However,
an increase in scattering due to coagulation of globular proteins may have a similar
effect which does not allow conclusions to be drawn regarding haemoglobin absorption
from this simple experiment. It was beyond the experimental scope of this study to
analyze this effect in more detail. Again, it may be a useful investigation to clarify this
point and to determine the absorption coefficient of haemoglobin including its
derivatives and denatured form more accurately.

2 .3

Q u a l it a t iv e
OF

r e p o r t s o n c h a n g e s in o p t ic a l p r o p e r t i e s

t is s u e s

At an early stage during the use of lasers in medicine, changes in the optical
properties of tissues were already employed empirically as a macroscopic parameter to
asses thermal damage. In particular, therapy of retinal disorders has been guided by the
appearance o f a visible whitening of the treated site in the eye. Historically, these were
the first reports on changes of optical appearance o f tissue due to the thermal insult of
light"^'^^^'^^^, even before the advent of the laser. In practice, the assessment of
increased backscattering from the retinal lesion is carried out by subjective
ophthalmoscopic evaluation. This process is only based on the experience of the
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ophthalmologist and is greatly limited by the ability to differentiate tissue lesions solely
on their ophthalmoscopic appearance. It was therefore suggested that the increase of
backscattering from the coagulated retinal area could be utilized to quantitatively
monitor the tissue response during treatment and thereby provide a feedback mechanism
to the therapeutic laser^'*°'^'*\ Theoretical and experimental studies have been carried
out to improve the use of the backscattering measurement for an objective determination
and dosage control of the irradiation effect. Some examples of these attempts are
reviewed here followed by an example of changes in backscattering during ablative laser
tissue interaction.

2.3.1

Changes in the visible appearance of the retina

Weinberg et al.^'*^ used a simple model of light and heat transport which
included heat deposition within the tissue based on an exponential attenuation of the
laser light, in combination with the Arrhenius damage equation (see Section 3.3) to
calculate the extent of a lesion created by given exposure parameters, such as laser
power or diameter of the laser spot on the retina, as a function of irradiation time. These
results were compared to experimental data measured on the retinas o f chinchilla rabbits.
The increase in reflected light intensity was correlated to the theoretically predicted
volume of damaged tissue. Despite an acceptable correlation, limitations of these
measurements were revealed. It was found that the increase in average backscattering
is more a measure of the diameter of the coagulated lesion rather than a measure of its
volume, the desired quantity.
In a parallel study, Welch and Polhamus^'*^ investigated lesion size and the
local temperature increase created by Argon ion laser light on the retinas of adult
monkeys. The study involved a large number of animals (60) and showed that a simple
model of thermal conduction including a heat source according to the Lambert-Bouguer
law of light attenuation in the tissue may be used to estimate the thermal injury when
rate process coefficients, calculated from measured temperatures, are included.
The concept of a feedback mechanism based on reflectance measurements
proposed by Bimgruber et al.^"^ was taken further by Yang et al.^'*^ using a high speed
video camera to acquire an image of a coagulated area during irradiation. As a model,
egg yolk, placed in front of a highly absorbing object, was irradiated with an argon ion
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laser. It was found that the reflectance in the centre of the lesion showed a high
correlation with lesion depth, and the image diameter obtained with the video camera
showed a high correlation with the spatial extent o f the lesion. It was suggested that an
automatic control of lesion width and depth is therefore feasible when a measurement
of the spatial reflectance is used as a feedback parameter to control the duration of the
irradiation. A second publication by Yang et al.^'^^ gave further evidence of the
feasibility of this technique. In this study, the feedback mechanism provided by the
video camera was used to achieve a preset lesion size in a layered medium consisting
of egg white and a highly absorbing thin layer of paint. A series of 30 coagulated areas
were created and the desired lesion diameter was achieved experimentally to within the
standard deviation of the measurement.

2.3.2

Changes in backscattering during laser ablation

Another qualitative study of changes in backscattering o f light during laser
ablation was undertaken by Nishioka et al.^^ Using an ellipsoidal reflector, the diffuse
part of the light being scattered back from a tissue sample (chicken liver) was measured
at a wavelength of 2.1 pm with a pulsed Ho:YSGG laser being operated at pulse
energies high enough to ablate the tissue. It was found that the diffuse reflectance
(backscattering) of the tissue increased from about 8 % to nearly 40 %. Interestingly,
this change occurred during the first laser pulse where, after a delay of 50 ps, an
increase to 30 % was observed. It was speculated that the increased backscattering was
due to protein dénaturation at the elevated temperatures, which would alter the optical
properties prior to the ablation. This explanation was supported by the visual observation
of the lesion which was described as "yellow-white" in colour.
Using the photoacoustic effect, the absorption coefficient of porcine tongue was
measured during NdzYAG laser coagulation^'^^. When heated above ablation threshold,
a sudden, irreversible increase in absorption coefficient of the tissue was observed. The
authors did not discuss charring which could possibly have caused this increase.
However, charring can usually be observed during vaporization o f tissue at this
wavelength. There was no evidence of a change in the absorption coefficient during the
preceding thermal coagulation.
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2 .4

Q u a n t it a t i v e

r e p o r t s o n c h a n g e s in o p t i c a l p r o p e r t ie s

OF TISSUES

Recently, there has been growing interest in a quantification o f these qualitative
observations and attempts have been undertaken to relate the change in tissue appearance
to changes in optical properties, such as the absorption and scattering coefficients of the
tissues. The advantage of this approach is the potential use of these optical coefficients
in models o f light transport either to calculate more accurately the expected
backscattering from a given lesion size whilst monitoring a coagulation procedure or to
predict the radiant energy fluence rates and thus temperature profiles within the tissues
for the planning of a treatment. Compared to many references available on the optical
coefficients of various types of native tissues, only a limited number of publications
have as yet reported data on quantitative changes of absorption and scattering
coefficients in tissues after coagulation. A few reports can be found on myocardium,
arterial wall and liver. These will be reviewed in turn in this and the following two
sections, and are summarized in the form of tables (see Table 2(iv) - Table 2(vi)).

2.4.1

Myocardium

So far, the largest set of experimental data on changes of optical coefficients is
available for myocardium. Derbyshire et al. found a significant (fourfold) increase in
scattering with dénaturation^"*^ (see Table 2(iv)). Absorption remained constant within
the standard error of the measurement. Splinter et al. reported an increase in the reduced
scattering coefficient, |i,(l-g ), from 0.367 mm”* in the case o f native canine
endocardium to 0.836 mm”* following thermal coagulation with a Nd:YAG laser*"*®.
Using an integrating sphere method and collimated illumination with a Nd:YAG laser
at 1.064 pm. Splinter et al. measured diffuse reflectance and transmittance as well as
collimated transmittance. Thus, the anisotropy of the scattering could also be estimated.
It was found that the average cosine of the scattering intensity g changed little with
coagulation. The anisotropy was found to be g =0.97 for native endocardium and g =0.96
for coagulated endocardium. In a later study*"*^, this finding was slightly revised and
a decrease in g with coagulation was reported (g decreased from 0.974 to 0.956 but the
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Myocardium

porcine

X [nm]
1064

|ia [mm']

[L /l-g ) [mm*]

native

denatured

native

denatured

0.044
(± 0.005)

0.051
(± 0.009)

0.427
(± 0.033)

1.743
(± 0.101)

?
native

denatured

Tissue
Preparation

Experimental
Method

freshly excised,
denatured by
microwave
irradiation (450 W,
5-10 min)

integrating spheres,
diffuse R and T,
1.4 trun slice

Theoretical
Model
radiative transfer
model

Reference

1064

0.007
(± 0.006)

0.01
(± 0.01)

0.367

0.836

0.973
(± 0.007)

0.96
denatured by
(± 0.010) Nd:YAG laser
irradiation

integrating spheres,
diffuse R and T,
collimated T,
0.4 mm slice

canine

1064

0.04
(± 0.02)

0.035
(± 0.016)

0.451
(±0.139)

1.082
(± 0.393)

0.974
(± 0.008)

0.956
kept in saline (3 (± 0.016) 5 “Q , denatured by
Nd;YAG laser
irradiation (50 W,
10 mm diameter
spot, 20-40 sec)

integrating spheres,
refractive index
matching glass
hemispheres,
diffuse R and T,
collimated T, 0.40.75 mm slice

Kubelka-Munk
three flux,
transformation of
KM to transport
coefficients

Splinter*^’

human

1064

0.03
(± 0.02)

integrating spheres,
refractive index
matching glass
hemispheres,
diffuse R and T,
collimated T, 0.40.95 mm slice

Kubelka-Munk
three flux,
transformation of
KM to transport
coefficients

Splinter*^*

canine

canine

633

633

0.964
(± 0.005)

0.20
(± 0.04)

0.4

0.20
(± 0.04)

0.45
(±0.13)

kept in saline (3 5 “Q

1.13
(± 0.23)

3.70
(± 0.89)

0.93
(± 0.02)

0.77
(± 0.05)

freshly excised,
dénaturation in
water bath (2075 °C, 1000
seconds)

comparison with
ultrastructural
changes as seen by
TEM

1.2
(± 0.6)

4.7
(±2.5)

0.93
(± 0.02)

0.77
(± 0.05)

freshly excised,
dénaturation in
water bath (2075 °C, 1000
seconds

diffuse R and T,
collimated T, 0.450.75 mm slice,
comparison with
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change was within the standard deviation of the measurement). An important observation
from this work is that the optical properties of human and canine myocardium are
practically identical (see Table 2(iv)). Again, in this more detailed study, virtually no
change in absorption coefficient was observed. Instead, there was a threefold increase
in reduced scattering coefficient.
A recent report on the change in scattering anisotropy puts a question mark
behind the report of an unchanging g by Splinter. At a shorter wavelength (632.8 nm),
Bosman et dl}^ and Pickering et al.*^^ found a significant change in g. Their studies
showed a decrease in the myocardial g with coagulation from 0.93 to 0.77. The same
observation was made on laser coagulated liver tissue whilst measuring a complete
scattering phase function using a goniometric setup^^^. This finding is supported by
the results of TEM measurements which were carried out on both native and coagulated
myocardium^^^. The average size of particles was found to decrease with coagulation.
In native myocardium, the most abundant structures were mitochondria and myofibrils
with a size of about 1 |im amongst smaller sized filaments (0.08 |im to 0.75 |xm)‘^.
The TEM study of myocardium heated to 75°C showed the disintegration of these
particles to structures with a size between 0.05 }im and 0.25 p.m. According to Mie
theory, the decrease in particle size results in a more isotropic light scattering at visible
and near infrared wavelengths (see Section 1.2.2) which may explain the experimentally
observed decrease in g. The discrepancy between the results of the different groups is
not explained yet. Remaining methodological deficiencies in the determination of the
optical properties may well be the reason for this.

2.4.2

Arterial wall

The optical properties of arterial wall have been the subject of a number of
studies. Interest in this tissue is generated by the increasing use o f laser light for
angioplasty, in particular the recanalisation of occluded arteries. Optical properties have
been reported at several wavelengths and are summarized in Table 2(v). Agreement
between the optical properties reported by different workers is reasonably good. In
particular, when it is considered that tissue preparation, sample geometry, and the
experimental method used to measure the absorption and scattering coefficients vary
from one piece of work to the other. The layered structure of the arterial wall imposes
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a further difficulty on the determination of the optical properties. Keijzer et al.*^^
reported on the optical properties of each of the three layers of human aorta. At 633 nm
wavelength the absorption coefficient varied from 0.23 mm"^ (media) to 0.58 mm“^
(adventitia), and the reduced scattering coefficient from 2.57 mm"^ (intima) to 3.71 mm'^
(adventitia). If measurements on the full thickness of the arterial wall are carried out,
average optical properties are measured and a deconvolution seems impossible.
Nevertheless, there are recent reports on changes in the light attenuation and optical
properties of arterial wall which will be presented here.
Schwarzmaier et al.^^® presented spectral data on the optical attenuation o f thin
sections of arterial wall before and after irradiation with a surgical NdiYAG laser. The
spectral scan was performed in a microscope spectrometer and covered a wavelength
range from 250 nm to 800 nm. Within this wavelength range, all samples showed a
significant increase of optical density with thermal dénaturation. The relative change in
optical density was most pronounced at short wavelengths where an increase of up to
tenfold was observed. The relative increase in optical density at 800 nm was smaller but
still observable. The authors did not speculate about possible mechanisms of the increase
in tissue attenuation but a likely explanation is a change in tissue scattering with
coagulation. An extrapolation of the presented spectra towards 1.064 |im would suggest
a small change in optical density at this wavelength.
The attenuation spectra presented by Schwarzmaier et al. compare well with
reports by Agah et al.^^^ and Oraevsky et al.^^*. Agah et al. found a significant
increase in scattering coefficient with coagulation at visible wavelengths but virtually
no change in both absorption and scattering coefficient at 1.064 |im. A large increase
in reduced scattering coefficient at 308 nm following dénaturation was reported by
Oraevsky (8.0 mm“^to 27.0 mm"^). It may be concluded from these reports that optical
property changes of arterial wall with coagulation are negligible at NdiYAG laser
wavelengths but can considerably alter the interaction with light at UV wavelengths.
Spears et al.^^^ reported reversible optical property changes during repetitive
Nd:YAG laser irradiation. The diffuse transmission and then the diffuse reflection o f an
atheromatous sample of arterial wall were measured one after the other using a single
integrating sphere. The samples were irradiated for 20 to 30 seconds using an incident
irradiance of 1.1 to 2.1 Wmm“^. Between the two exposures, the tissue was allowed to
cool to room temperature. Spears et al. found a decrease in diffuse transmission o f up
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to 70 % during each consecutive exposure whilst the reflection stayed virtually constant.
With the start of a new exposure, transmission was back to the starting value. It was
speculated that the decrease in transmission during exposure is caused by an increase
in scattering coefficient which, in principle, compares well with other reports. But the
diffuse reflection was found to stay constant which contradicts this explanation. An
increase in scattering coefficient would lead to an increase in diffuse reflection provided
the absorption coefficient stays constant. Elsewhere in the same journal, this finding was
considered to be controversial^®®’*®^ Derbyshire et al.*®® criticised the experimental
procedure in which non-identical illumination geometries of the samples (optical fibre
with diverging beam and collimated beam) were used for the integrating sphere
measurements. In addition, different explanations were offered to interpret this effect.
These arguments are reproduced here, since they offer an interesting view on the
complexity of the thermal interaction of light with tissue, and illuminate the care needed
when performing and interpreting these difficult measurements.
•

Thermally induced tissue coagulation causes an irreversible increase in light
scattering during the early phase of heating (50 - 100 °C). This leads to a
decrease in light transmittance.

•

Once the temperature reaches 100 °C, the formation of steam bubbles increases
backscattering which further reduces the transmission of light during the heating
period. This increase should be truly reversible and transmission should increase
again after a certain period of cooling.

•

The thickness of the tissue is reduced by the onset of ablation and the formation
of a crater in a later stage of the irradiation. This results in an increase in
transmission which can be masked during tissue heating by a steam-induced
increase in backscattering.

•

Carbonization finally increases the energy absorption at the tissue surface which
leads to greater steam production and backscattering. (It was not mentioned that
the carbonization itself increases the absorption coefficient and therefore reduces
backscattering from this superficial layer.)
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2.4.3

Liver

Optical coefficients of liver before and after thermal dénaturation are summarized
in Table 2(vi). So far, there have been no reports by other groups on the change in
optical properties of liver with coagulation. Therefore, in addition to the author’s own
measurements published previously^®^'^®^, values published on optical coefficients of
native liver tissues are included in this summary for comparison^^'^^^. Comparing
the different absorption and scattering coefficients of native liver shown in Table 2(vi)
obtained by different workers and those presented later in this work (Chapter 5), some
spread is visible. This is not surprising, since different tissue histories, preparation
methods, experimental techniques and theoretical models were used by the different
groups. However, it was found that, in general, the absorption coefficient increases with
wavelength in the infrared. The reduced scattering coefficient of the thermally
coagulated liver is comparable to that reported for myocardium (see Table 2(iv)) and is
lower than that of aorta (see Table 2(v)). The scattering coefficient of native bovine liver
is surprisingly low compared to that of rat liver but this is probably due to the history
of the bovine liver which had been frozen before purchase from the butchers. For both
bovine and rat liver there is a large increase in reduced scattering coefficient with
coagulation. This is true for both Nd:YAG wavelengths (1.064 |im and 1.32 |xm) and
the Holmium wavelength (2.1 |xm).

2 .5

Changes

in o p t ic a l p r o p e r t ie s o f t is s u e s o t h e r t h a n

ABSORPTION AND SCATTERING

Birefringence. There have been reports on more subtle changes in optical
properties of tissues with thermal coagulation, for example, the change in native
birefringence. It was suggested that this change can be used for an assessment o f the
thermal damage in cardiac muscle (myocardium) and canine urinary bladder^^. In this
study, the naturally occurring birefringence of these two tissue types wass shown to
disappear almost completely when the tissue was heated above a certain threshold
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temperature (above 42°C for myocardium) or to be greatly reduced in intensity (above
60°C for collagen in the bladder tissue). To measure the change in birefringence, the
tissues had to undergo an extensive preparation process after the heat treatment which
included fixation in formalin, dehydration in ethanol and xylene and embedding in
paraffin wax. After slicing and staining, the samples were observed under a polarizing
microscope. It was suggested that this method can provide a very accurate assessment
o f the areas of thermal damage of tissues, and could therefore be used to check
predictions of thermal damage given by theoretical models.
Thermal tensing. Thermal lensing caused by localized heating within egg white
was reported by Motamedi et

Using a video camera, the defocusing of an

argon ion laser beam (514 nm, 2.25 W) in stained egg white was observed as a function
of time after onset of the irradiation. An increase o f the beam diameter within the first
100 ms of irradiation before thermal coagulation of the egg white commenced was
interpreted as thermal lensing due to a thermally induced change in local refractive index
of the target. This effect was first described for a (non biological) medium by
Rieckhoff*®’ back in 1966. Consideration was given to the possible significance o f this
effect in biological tissues where scattering dominates the light transport. It was
suggested that the effect could partly explain the discrepancy between measured and
predicted temperatures for small illumination spot sizes. There have been no reports on
the observation of this effect in tissue.
Refractive index. The refractive index of tissue, as an optical property of the
bulk tissue, has been determined by a fibre optic cladding method^^°. In this study, the
refractive indices of a variety of tissues were determined. Although the refractive indices
are only given for native and homogenized tissues, the effect o f coagulation on the
refractive index was studied using the example of egg white. In a preliminary
experiment, it was found that the refractive index increases from 1.32 to 1.38 with
coagulation.
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2 .6

C hapter

su m m ar y

The first two sections of this chapter have attempted to estimate changes in the
absorption coefficient with temperature and with the consequent dénaturation of tissue.
This was done on the physical basis of the changes in water absorption with temperature
and haemoglobin absorption with oxygenation. The experimental data available to judge
the significance of these effects on surgical laser applications indicate that the change
in water absorption with temperature at 1.064 |im may be considerable. At this
wavelength, a drop in absorption coefficient by 20% is predicted for a temperature
increase from 25°C to 100°C. For two other wavelengths examined, 1.32 |im and
2.1 |im, this effect may be less significant. In the wavelength range o f interest,
haemoglobin contributes significantly to the tissue absorption coefficient only at
1.064 p.m and depends, obviously, on the blood content of the tissue. Using an estimated
value for the average haemoglobin concentration in tissue, it was found that the
contribution to the tissue absorption coefficient by haemoglobin in its oxygenated form
is comparable to that of water at this wavelength. Contribution by deoxyhaemoglobin
is negligible. Due to the lack of data on the absorption coefficient of denatured
haemoglobin, no judgement is possible on the expected changes with thermal
dénaturation of haemoglobin.
The review of existing reports on changes in tissue scattering coefficient due to
thermal dénaturation yielded a set of data for arterial tissue, myocardium and liver. With
the exception of arterial tissue, in virtually all publications it was found that the reduced
scattering coefficient increases manyfold at visible and nir wavelengths with thermal
dénaturation. In some cases, a change in scattering anisotropy was reported as well. This
review and the collection of literature data formed the basis of the experimental
determination of the optical properties of a selection of tissues, both in their native and
coagulated state. The results of these investigations are reported in Chapter 5 where a
comparison with the literature data reported in this chapter can also be found.
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C hapter 3

T herm al D amage

"With the advancing study of heat injury it becomes more and more obvious
that the effects o f high temperature upon living systems are so complex that no
theory could venture to reduce them all to a uniform basisj^\"
J.

BËLEHRÂDEK,

1935

Temperature is a physical parameter which affects biological activity in living
matter fundamentally. There is an upper and lower temperature limit between which
metabolic processes can take place. In general, higher temperatures lead to an increased
biological activity as the underlying biochemical processes are taking place at a higher
rate. However, disruption of the complex structure of living cells and destruction of vital
cellular proteins set the upper limit at which survival is possible. For most mammalian
tissues this limit is reached with temperatures above 50°C. Temperatures higher than this
limit will inevitably produce damage to vital molecular and cellular structures which is
incompatible with the survival of the cell. This chapter will be concerned with the
processes and structural changes, both on a molecular and cellular level, which induce
the destruction of tissue as a result of the action of high temperatures.
How narrow the range of temperatures within which life, as it is known to us,
can exist is illustrated in Figure 3.1. On a logarithmic scale, the small range of
temperatures sustaining life is compared to the large range of known temperatures at
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Figure 3.1: The small range of temperatures that life can withstand. The linear
scale is an expansion of the life sustaining temperature range (Figure modified
after Johnson et al.^^^).

which various physical processes can take place^^^. The scale on the right shows
examples of some biological processes or activities of life together with the temperature
at which they take place. At the lower end of the temperature scale for vertebrates, the
polar codfish {Boreogadus saida) can be found, which maintains its activities at
temperatures as low as -1.5 °C. As an example o f the upper end of the temperature
scale, bacteria found in deep oil wells are believed to live at temperatures o f about
100 °C. Before discussing the processes involved and the damage generated when the
upper temperature limit for mammalian tissue is reached or exceeded, a definition of
terms is attempted.
Thermal damage. Throughout this chapter, the rather vague terms "thermal
damage" and "thermal coagulation" are used when changes to the complex structure of
tissue are described which occur during heating. Thermal damage involves a whole
spectrum of changes to the tissue, both on a molecular and a microscopic level. A single
and clear definition, therefore, may not be possible. A summary of the various degrees
of thermal damage is given in Table 3(i). Thermal damage can be reversible, provided
it is not too extensive, due to the action of cellular repair mechanisms. Naturally,
thermal damage to cells can involve the alteration and destruction of biomolecules, such
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as enzymes and proteins, but in this context rather means the structural and
uitrastnictural changes observable after the action of heat.
Cell death. Thermal damage to vital cellular components can be so severe that,
after a certain time (this time can be very short in the case of high temperatures), the
cell as a confined structure is no longer able to perform its normal tasks. The result of
such damage ultimately leads to "cell death". That means so much damage has been
accumulated within the cell that the normal repair mechanisms of the cell are unable to
reverse the damage or that the repair mechanisms themselves (these are the DNA and
RNA transcription enzymes) are thermally inactivated.
Necrosis. After death of a large number of cells affected by fatal environmental
changes, the tissue as a whole undergoes "necrosis". Necrosis is a description o f the
natural process of disintegration of cells and cellular components that follows a series
of well characterised levels with time. Various types of necrosis, such as colliquative
necrosis, caseation necrosis or coagulative n e c r o s i s c a n be distinguished. The lastmentioned is the most likely form to be involved after the insult o f thermal damage.
This form of necrosis is characterised by an obvious dénaturation of intra-cytoplasmic
protein. Macroscopically, it can be identified by a more opaque appearance of the tissue
than normal. Microscopically, the general pattern of the tissue is maintained, despite

Table 3(1): Pathologic effects of thermal damage to tissue (modified and extended
after Thomsen^^).
Pathologic effect

Threshold temperature (ranges)
[°C]
40-45

Reversible cell injury: thermal dénaturation of enzymes,
increased metabolic rate, swelling of mitochondria and
endoplasmic reticula

43-45

Irreversible cell injury: deactivation of enzymes

n.a.

Cell shrinkage and hyperchromasia

45
n.a.

Membrane lipids undergo "phase change"
Membrane rupture

50

Dénaturation and aggregation of globular proteins
(coagulation)

58

Hyalinization of collagen

69-72

Reduction in birefringence of fresh myocardium

70-75

Reduction in birefringence of collagen
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obvious signs of nuclear death and cytoplasmic protein dénaturation.
Dénaturation. In contrast to the term "thermal damage" which is preferably used
for cells or tissue, the term "dénaturation" is applied together with the term
"coagulation" in its biochemical meaning when changes in the molecular structure of
macromolecules are described. Although the term "dénaturation of proteins" is a
common term in biochemistry, whole chapters have been devoted to its definition^^'*.
However, even the definition and description of the native state o f a protein involves
difficulties. Dénaturation can be defined as a conformational change in the molecular
macrostructure of a protein, without a change in primary structure. As will be seen later,
dénaturation involves the destruction of intra- and inter-molecular non-covalent bonds
which are responsible for secondary, tertiary and quaternary protein structure. The loss
of, or changes in, certain physical and chemical properties characterising a specific
protein can be used to identify the state of its dénaturation, i.e. after dénaturation, the
protein no longer exhibits the same physical or chemical properties, although the
molecule as such still has the same composition. Sometimes, dénaturation can be
accompanied by the aggregation of proteins, a kind of polymerization reaction of
proteins in an early stage of dénaturation. This process is commonly called "coagulation"
and can occur with cellular and structural proteins and, at even lower temperatures, with
vital enzymes of the respiratory chain. Often, the coagulation of proteins can be
observed with the naked eye as the sample turns opaque as a result of the change in its
scattering properties. A clear example of the result of thermal coagulation is the change
which can be noticed when egg white is being fried. It is apparent from this that
coagulation is an effect which can be observed immediately after, or even at the time
of, the thermal impact.
ft

Dénaturation and coagulation of tissue. It is common to exclude more drastic
changes to the molecular structure from the biochemical definition o f dénaturation (see
Section 3.1). The destruction of the molecule which is accompanied with the release of
amino acids or peptides is, therefore, no longer considered as dénaturation. Molecular
damage at temperatures easily reached during laser surgery usually leads to a total
destruction of the protein. Indeed, temperatures may be so high and damage may be so
severe that carbonization of the tissue is observed^^^. It is questionable, therefore, if
the terms dénaturation and coagulation should be used as freely and interchangeably as
they have been in numerous publications. To avoid a multiple use o f terms it would be
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preferable if these terms were used in their biochemical meaning when the thermal
damage after typical surgical applications is described. Nevertheless, it has been widely
accepted to use the term "coagulation" of tissues when the temperatures reached, are
insufficient to generate carbonization or ablation o f tissue^^^. In an attempt to avoid this
problem, in this thesis the terms coagulation and dénaturation as applied to tissues are
only used when the temperatures involved are sufficiently low to avoid destruction of
the primary structure of proteins.
The layout of this chapter is as follows. Firstly, a brief introduction to the
processes involved in the dénaturation o f proteins is given (Section 3.1). Attention is
given in particular to the kinetics and thermodynamics of this process. Processes
involved in thermal damage to a living cell are then considered, using rat liver as the
example (Section 3.2). Anatomy and physiology of this tissue are reviewed briefly to
identify cellular structures and their changes with thermal damage observed in
transmission electron microscopy. In the third part of this chapter, an experimental
method is presented which can be used to determine the kinetic parameters of the
thermal damage process to tissue (Section 3.3). Finally, a stochastic model is described
to study quantitatively the survival rate of a complex biological system (Section 3.4).

3 .1

T herm al

d é n a t u r a t io n o f p r o t e in s

The dénaturation of proteins due to the action of physical or chemical agents has
been the subject of intense study. Various theoretical models have been developed to
understand the complex nature of this process. For example, the transformation from a
crystalline to an amorphous state, equivalent to a phase transition^^^, was believed to
be the analog of dénaturation. Also, catastrophe theory^^^’^^* was employed to
provide a scientific explanation of the transition process. However, the most successful
description was arrived at using a thermodynamic point o f view. The temporal behaviour
of the dénaturation process can adequately be described by reaction kinetics developed
from collision theory used in physical chemistry. In this context, the dénaturation of a
protein is understood to be the modification of a specific and highly organized molecular
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structure into a more random arrangement which involves a change in molecular
enthalpy and in molecular entropy. Before an introduction to the thermodynamic
description of dénaturation kinetics, protein structure and structural changes with
dénaturation are outlined briefly, and the consequences for the physical properties of
proteins are discussed.

3.1.1

Structural changes

The fundamental units of proteins are amino acids. To form a protein, they are
linked together in long chains by peptide bonds which join a-NHg groups with a COOH groups (a stands for a specific amino acid residue). This basic structure is shown
in Figure 3.2. Up to 10 amino acids grouped together form an oligopeptide, up to 100
form a polypeptide, and groups of more than 100 form what are generally called
proteins (such large structures can have a molecular weight of more than 10®). Four
different levels of protein structure are distinguished^^"^: primary, secondary, tertiary and
quaternary. The particular order of amino acid residues within a polypeptide chain is
called primary structure. This order is determined by genetic information. As a
consequence of hydrogen bonds between relatively close amino acid residues within the
chain, the polypeptides chains are coiled. At this level, the secondary structure can be
found. Within some parts of these polypeptide chains, the coiling forms regular ahelices. Other parts may be randomly coiled. The arrangement of these coiled
polypeptide chains in space is called tertiary structure. The chains can be folded and
packed to give the three dimensional structure o f the globular protein. This design is
enforced by side chain interactions and, in contrast to the hydrogen bonds which
generate the secondary structure, is cross-linked by disulphide bridges. Often, secondary

C — OH
H2N — C — H

a
Figure 3.2: Basic chemical structure of an amino acid residue.
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and tertiary structure are difficult to distinguish. To form the last level of organization,
the quaternary structure, several proteins with their complex tertiary structure are
grouped together with non-covalent bonds as links.
Generally, two groups of proteins can be distinguished by their different tertiary
and quaternary structure^^'^. Globular proteins show a spherical or random arrangement
o f their polypeptide chains. Since the surface area of this molecular structure is small,
disulphide bridges mainly exist between parts of the polypeptide chain within the same
molecule. Typical examples are haemoglobin and albumin. In their native state, they are
mostly hydrophilic. In contrast, fibrous proteins reveal a stretched tertiary structure.
Usually, they are not water soluble and are the basic components of structural and
connective tissue. Disulphide bridges between the polypeptide chains of neighbouring
molecules provide intermolecular bonds. A typical example of this kind of protein is
collagen, which can be found, for example, in blood vessel walls.
It is obvious from the complex structure of proteins that the term dénaturation
cannot describe a simple, single process, but instead a gradual, more or less systematic
loss of structural properties'^’. In an attempt at characterisation, dénaturation may be
defined as the loss or partial loss of the secondary, tertiary and quaternary structure of
a protein. The cause for the loss of the original structure with dénaturation can
ultimately be found in the weakening and breaking of non-covalent bonds such as the
hydrogen bonds responsible for the secondary structure or the disulphide bridges which
support the quaternary structure. Note that the destruction of the primary structure, i.e.
the rupture of the covalent bonds between amino acid residues is not regarded as
dénaturation. It becomes clear that any specific biological activity a protein is
performing within a living organism is unique to its structure and that any change in its
structure may render it inactive.
Heat dénaturation is easy to demonstrate within this concept. When temperature
increases, the energy of non-covalent bonds of the native proteins can be overcome by
the vibrational energy of the peptides^^"*’**®. The thermodynamic consequence is a
change in the free energy of the system which comprises the protein and its surrounding
medium. The breaking of a hydrogen bond, for example, requires a change in enthalpy
of about 20 kJmol'^K * which is provided by water molecules surrounding the group. For
globular proteins, the general structural consequence on a molecular level is an inelastic
stretching of parts of the protein, whereas for fibrous proteins, a weakening of the
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macrostructure of intermolecular bonds can be expected. Examples of the dénaturation
of a globular protein with resulting coagulation are found with enzymes in the
respiratory chain which exist in large concentrations within mitochondria. Experimental
evidence exists to suggest that the aggregation of mitochondrial protein after thermal
dénaturation is related to the oxidation of thiol groups^^"^ (a thiol is characterized by the
replacement of an OH group by SH). This results in the formation of dimers and
polymers with denatured mitochondrial proteins as basic elements.
The dénaturation of proteins dissolved in water is often accompanied by a change
in pH (a high or low pH is in itself a dénaturation agent). Between the protein and the
surrounding water molecules, protons are frequently exchanged depending on the pH of
the solution. When polypeptide chains are broken (loss o f quaternary structure) as a
result of a dénaturation agent, a proton is released for each polypeptide chain released.
The proton originates from exposed COOH groups which are all ionized. A change in
pH during dénaturation is therefore inevitable^^'^.

3.1.2

Changes in physical properties

Virtually all physical properties of a protein are changed by the dénaturation
process. The change can be obvious, as in the change in some optical properties, or very
small, as in the change in viscosity. A first source of information on changes in physical
properties of proteins can be found in Lapanje^*® where the structural and chemical
alterations leading to the changes in properties are also reviewed. Changes in physical
properties may be used to observe the dénaturation process. In fact, most of the
structural information about proteins came from such studies. A multitude o f physical
techniques have been applied to the analysis o f protein dénaturation. To name but a few,
viscometry, calorimetry, sedimentation, NMR spectroscopy. X-ray diffraction and most
notably optical techniques have played an important role in the description of this
process^^^ Optical techniques used in protein characterization are Raman spectroscopy,
fluorescence spectroscopy, optical rotation, u v and IR spectroscopy. Those which are of
relevance to the subsequent discussion are reviewed briefly.
Optical properties are generally very sensitive to structural modifications of the
proteins and provide a good quantitative measure o f change. An example is the optical
rotation of proteins which has been found to be related to the secondary structure^^'^. The
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reduction of optical rotation during dénaturation is directly related to the fractional loss
of non-covalent bonds of the native molecule. This, therefore, is a measure of the
proportional change in structure. This effect has been observed in tissue and there is
experimental evidence to show that the loss o f optical rotation in thermally damaged
tissues, in particular connective tissue with a high collagen content, can be related to the
extent o f the thermal damage^“ .
UV spectroscopy can be used as a further optical method to distinguish between

native and denatured proteins^^\ Due to the existence of a variety o f chromophores,
UV absorption spectra of proteins are complex. The molecular configuration of a protein

can be related to changes in

uv

absorption in the range of 260 to 320 nm. Aromatic

amino acids have been identified as being one source of UV absorption with a strong
band at 210-220 nm and a weaker band at 260-280 nm. The carboxylate group of amino
acids is also an important chromophore within proteins and generally absorbs strongly
at wavelengths below 220 nm. Ionized sulfhydryl groups, on the other hand, absorb
weakly in this region**®. Since these UV absorbing groups are usually involved in noncovalent bonds,

uv spectroscopy can be used to measure shifts in the spectral fingerprint

of a protein with dénaturation and the destruction of the bonds*^"*. Usually, difference
spectroscopy, a particularly sensitive technique, is employed to detect the dissimilarity
between a denatured state and the native protein. The largest contribution to changes in
UV absorption is the exposure of the aromatic side chains of the protein which are

usually covered inside the tertiary structure of the native globular protein.
Infrared spectroscopy can also be used to identify protein secondary structure and
its changes. Infrared absorption bands result from vibrational movements of atoms. As
was discussed previously with reference to water in Section 2.1, the resonant frequency
of these oscillations and hence the location o f these absorption bands depend on the
atomic masses, intramolecular forces from covalent bonds and intermolecular forces
originating from non-covalent bonds. When the local environment of non-covalent bonds
changes, a change in resonance frequencies of the participating atoms follows and the
infrared absorption bands shift. Since the number of possible vibrational modes in a
protein is very large, IR spectra are of considerable complexity. Generally, protein
spectra feature a strong and broad absorption band between 5.8 |im and 6.3 |im which
is due to stretching modes in the CO bond. It is referred to as the "amide I band". This
band is strongly influenced by hydrogen bonds and hence is sensitive to conformational
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changes in the secondary structure of proteins. Unfortunately, at around 6 |im there is
also a strong water absorption band (see Figure 1.3) which makes absorption studies
virtually impossible when the protein is dissolved in water. The amide II band is located
around 6.3 p,m to 6.7 pm and is due both to CN stretching and NH bending vibrations.
Also very sensitive to hydrogen bonds are the amide A and B bands which originate
from a stretching vibration of the NH bond. Most frequently used for structural analysis
of proteins are the amide I and amide II bands, despite the awkward coincidence with
the water absorption. In some studies, this problem can be overcome by performing the
absorption measurements in heavy water (D 2 O).
Scattering of light has also been employed to analyze protein structure. A
macromolecule such as a protein has a considerable size when compared to the
wavelength of visible light. As was shown in Section 1.2.2, the angular distribution of
light scattering is strongly dependent on the ratio o f particle size to wavelength. Since
the size of a protein changes due to unfolding, goniometry may be used to determine
the changes in scattering which accompany the conformational changes**®. A more
dramatic change in scattering properties can be observed during the coagulation of
proteins. Since the polymerization of single proteins can lead to large aggregates of
denatured protein (often no longer soluble in water), the size parameter

increases

greatly. This has a higher scattering efficiency as a consequence (see 1.2.2). It is this
effect which will be used later in this chapter (see Section 3.3) to observe the thermal
dénaturation kinetics of tissue.

3.1.3

Kinetics of thermal dénaturation of proteins

As with other chemical reactions, the dénaturation of proteins takes place at a
specific rate depending on the type of protein, the concentration of the protein and
conditions of the physical environment such as temperature. Chemical reaction rates
have been studied extensively in physical chemistry and standard textbooks**^**^
present good sources of information on this topic. The fundamental work on reaction
rates and their temperature dependence was done by van’t Hoff and Arrhenius**^ back
in the last century. The basic concept developed by Arrhenius to explain chemical
reaction rate says that the rate of a chemical change is directly proportional to the
concentrations of the reactants. The reactants are being continuously consumed during
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the reaction and, therefore, the speed of the reaction reduces during the process.
Intuitively, it is clear that the reaction rate should become slower and slower but should
never vanish. Thus, an exponential decrease of the concentration o f reactants with time
is expected.
Rate reactions. Assuming a first order reaction, the rate is directly proportional
to the concentration of a single reacting substance and can simply be written as
d[P] _= k[P]
dt

(3-1)

where [P] denotes the concentration of the reacting substance, in this case, the
concentration of the native protein, k is the specific reaction rate. As will be seen later,
k is strongly dependent on the temperature at which the reaction takes place. The
integrated form of Equation (3-1) describes the decay of the protein concentration as a
function of time:
[P](f) = [P]„

(3-2)

with [P]q being the initial concentration of the protein. This simple description can be
extended to second, third and higher order reactions, where the reaction rate depends on
the concentration of two, three or more reactants. Furthermore, simultaneous reactions
can be similarly described. An example o f the latter type of reaction with regard to
proteins is the reversible dénaturation which can be described by two opposing reactions.
The denatured form is produced with a specific reaction rate k^, whereas the inverse
reaction is characterized by a specific reaction rate

Equation (3-1) has to be modified

to

- k,[P],

(3-3)

where [P]j is the concentration of denatured protein and [P]„ is the concentration o f the
protein in its native state. Another example of a simultaneous reaction is that of
consecutive reactions. Coagulation of proteins may be regarded as a consecutive
reaction. Proteins aggregate only after an initial dénaturation process has taken place.
Therefore, the rate of formation of the coagulated state depends on the concentration of
denatured proteins. The kinetic description o f this process can also be expressed in terms
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of the concentration of the native protein and the concentration of the denatured protein
as a function of time and the specific reaction rates involved^*^.
Although the kinetics of protein dénaturation involved in the thermal damage to
tissue is probably more complex and may be more accurately described by one of the
principles last mentioned, experimental evidence has been found to show that for a
considerable number of proteins the dénaturation process can be regarded as a first order
(or pseudo first order) reaction. Additionally, there may be theoretical evidence to
suggest why a complex biological system such as a cell should exhibit a simple first
order reaction rate with thermal damage (see Section 3.4). The remainder of this
discussion will therefore concentrate on this simple description.
Temperature dependence of reaction rates. The temperature dependence of the
specific reaction rate of first order rate processes was satisfactorily described by
Arrhenius^^. In studies on the reaction speed o f the inversion of sucrose, he found
experimental evidence of the temperature dependence of k\
d ln(A:) _ E
dT
RT‘

(3-4)

Where temperature is T, activation energy is E, and universal gas constant is R. To
achieve this description, he had to hypothesise that the molecule was in an activated
state which first had to be generated by accumulating the "activation energy" before the

P*

p.
ÙE

P
Figure 3.3: Principle of dénaturation as a chemical reaction for which an
activation energy E is required.
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reaction could take place. It was not until the outline of the kinetic theory of gases
(collision theory) was formulated that this postulate found its theoretical background.
Figure 3.3 shows the underlying principle. In a single molecular reaction, the potential
energy of a molecule P initially has to be increased by the activation energy E to reach
the potential of the activated complex P*. It then can either relax back to its original
energy level or complete the dénaturation by reaching the potential energy E'
characterising the denatured form**^. AE is the energy balance of the reaction. Some
proteins show reversibility of the dénaturation process, in which case Figure 3.3 has to
be read from right to left and the activation energy E has to be reached.
The consequences of Equation (3-4) are illustrated in Figure 3.4 which shows the
decrease in concentration of the native form of the soybean trypsin inhibitor as a
function of time at various temperatures (Figure 3.4(a)) and the reaction rate of the
dénaturation as a function of inverse temperature (Figure 3.4(b)). The reaction rate
of the dénaturation was calculated from the set of data shown in Figure 3.4(a) by
applying the underlying principle of a reversible reaction. Additional data points were
taken from Johnson et al.^^^. The from of graphical display shown in Figure 3.4(b) is
usually referred to as an "Arrhenius plot". It allows the determination o f two parameters
by linear regression on the experimental data: The activation energy E from the slope
of the regression line and the so-called "frequency factor" A form the intercept with
1/T = 0.
Integrating Equation (3-4) and introducing the thermodynamic quantities A5 and
A // (change in molar entropy and change in molar enthalpy respectively) which can be
found from collision theory leads to
K nr

A5

A//

(3-5)
h

Fundamental constants used in Equation (3-5) are the Boltzmann constant kg and the
Plank constant h. The thermodynamic quantities relate to the activation energy and the
frequency factor used in the Arrhenius plot, defined as

A = —
h

E = AH
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(3-6)
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Figure 3.4: Temperature dependence of the change in concentration (a) and
reaction rate (b) of the thermal dénaturation o f soybean trypsin inhibitor (data
taken from Johnson et al.^^^).

Using this relationship in the example of the dénaturation of soybean trypsin inhibitor
(Figure 3.4), the change in molar entropy can be calculated using linear regression as
A5=367.6 JmoT^K^ and the change in molar enthalpy as A //=96.0 kJmol^ (which is
equivalent to F=96 kJmol^ and A=10^^). It is obvious that a positive change in molar
entropy leads to a large A. As a consequence, the reaction will be fast. A negative
change in molar entropy results in a small A, and hence the reaction will be slow.
Experimental evidence has been found showing that there is a relationship
between the magnitude of A5 and A // of a variety of different protein dénaturation
procès ses

which can be described in the form o f a compensation law. A number of

physical and chemical processes have been demonstrated to behave according to a
compensation law. Although no theoretical derivation from thermodynamic principles
exists, A5 can be expressed as a linear function o f A//:
AS = flA// + b

(3-7)

where the parameters a and b are determined by linear regression and T = H a is the
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compensation law temperature. The consequences o f the compensation law are obvious.
Variations of A // in the negative exponential o f Equation (3-5) lead to a partial
compensation by parallel variations of AS in the positive exponential of the same
equation. The existence of a compensation law for a particular class o f chemical reaction
has a physical meaning: there is no change in phase during the reaction. Rosenberg et
al.*“ have tested the hypothesis of the existence o f such a compensation law for protein
dénaturation by mapping published data o f AS and A // in a graph similar to that in
Figure 3.5. In the same figure, data for dénaturation of single cellular organisms are
displayed. Published data for the dénaturation o f some mammalian tissues and the
author’s own data is included. The agreement with a compensation law behaviour is
striking. It is also remarkable how closely the compensation law parameters of the
dénaturation of various organisms (including mammalian tissues) agrees with the
parameters of the dénaturation of isolated proteins. This fact lead Rosenberg et al. to
conclude that the mechanism of thermal death of cells can be found in the dénaturation
of cellular proteins. As will be seen later in Section 3.4, the consequences of this
conclusion only agree in certain circumstances with thermodynamic and kinetic
principles and experimental evidence in complex cellular organisms. In particular, the
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of proteins and the thermal damage to organisms (data fiom^^'^'^^).
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experimentally observed first order rate constant for thermal damage leading to cell
death may be obtained if one of the following hypotheses is considered.
•

Cell death is due to the destruction of a single protein molecule in the cell\

•

Cell death is the result of stress on the cell imposed by the thermal dénaturation
o f cellular proteins^^.

•

The fraction of denatured proteins which causes cell death is different from cell
to cell.

The likelihood of the first and the last hypotheses being valid explanations will be
discussed later when a model of cell survival rates is derived (see Section 3.4).

3 .2

E xam ple

o f t h e r m a l d a m a g e : r a t l iv e r

As an example for studying the effect o f thermal dénaturation on tissue, rat liver
was selected. As for other studies in this work, rat liver was chosen for several reasons.
It is a relatively homogeneous tissue, has a sufficiently large volume, can easily be
harvested freshly, and is inexpensive. The processes involved in the thermal damage of
this tissue, the changes in cellular structure and the conclusions drawn from observations
on this tissue may easily be transferred to most soft tissues. Where this is questionable
or impossible, the same techniques for characterization of thermal damage may be used.
Before the processes involved in the thermal damage of a living rat liver cell can
be discussed, a brief summary of liver anatomy and physiology is presented. A
considerable number of textbooks on anatomy^^, physiology^*®’^*^, and histopathology^^’^^^’^^^’^^^’^^ have been consulted to compile a brief overview. This
is supplemented by histological studies on rat liver. Both light and transmission electron

^

It is highly unlikely that a cell would cease to function if a single protein or a
metabolic enzyme, such as cytochrome aa^ which can be found in mitochondria
is being denatured. The only single molecule that is of such importance to vital
cellular mechanisms that its damage would lead to cell death is the DNA.
This stress can originate either from the need to create protein at a sufficiently
high rate to compensate for the loss due to theimal dénaturation or from the
necessity to prevent the accumulation o f denatured debris in the cell (or both).
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microscope (TEM) studies were carried out to show conclusively the structural and
uitrastnictural changes occurring with thermal damage.

3.2.1

Anatomy and physiology of the liver

The liver is both in size and weight the largest internal organ o f the mammalian
body. It is situated in the abdominal cavity beneath the diaphragm. Its colour is between
dark red and brown in the fresh condition. The colour is caused mainly by a very high
blood content. The liver is an astonishingly versatile and multifunctional organ. Its
functions range from the neutralization and elimination of toxic materials to the
accumulation and transformation of metabolites. There are two main blood vessels
terminating in the liver: the portal vein and the hepatic artery. The portal vein accounts
for most of the blood flow and transports all the material absorbed via the intestines.
Lipids are the only substances which are predominantly transported in the lymphatic
system. The bile duct system forms a further tubular structure in the liver. Its task is to
carry away bile from the liver cells (hepatocytes). The system eventually converges into
the hepatic duct which is connected to the cystic duct from the gallbladder and continues
to the duodenum as the common bile duct. Other vessels leaving the liver are the hepatic
veins taking away the processed blood and lymphatic vessels transporting the lymph.
The hepatocytes are grouped in plates. Between them, connective tissue
consisting of reticular fibres can be found. The classic concept for the description of
liver anatomy is a macrostructure formed by the plates as a prismatic polygon, the liver
lobule. Figure 3.6 illustrates the territories of the hepatic lobules given by this
macrostructure. The lobules can be sharply separated from each other by a layer of
connective tissue and blood vessels, the so-called portal space. The central vein lies in
the centre of the hepatic lobule. A second from of characterization o f the hepatic
macrostructure is also indicated in Figure 3.6. The fundamental element used in this
description is a prismatic triangle, the centre o f which is formed by a portal space (PS)
and the comer of which is occupied by the central vein. The more common description
of liver anatomy and function, which follows here, makes use of the hepatic lobule.
Figure 3.7 shows a schematic drawing o f such a lobule. The centre o f the lobule
is occupied by the central vein (CV) which acts as the sink for the blood flowing through
the lobule from the portal veins, the distributing veins, inlet venules and the sinusoids
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Figure 3.6: Schematic drawing of liver territories used to demonstrate liver
anatomy and physiology (after Junqueira and Cameiro’^).

(S I ).

The plate like structure formed by one layer of hepatocytes

(H C )

becomes obvious.

Like a brick wall, the plates run from the central vein to the surface of the lobule. The
space between the plates is a capillary system, the so-called liver sinusoids. These blood
channels are 9-12 |im wide. The hepatocytes are separated from the sinusoids by
endothelial cells

(E T ).

Blood fluids easily percolate through the endothelial wall into a

Figure 3.7: Schematic drawing of a liver lobule (taken and modified from
Junqueira and Cameiro'^).
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Figure 3.8: Photomicrograph of a liver lobule. The prominent structures are the
central distributing vein and the alignment of hepatocytes in rows with sinusoids
between them (stained in eosin, bar equivalent to 1(X) |im).
subendothelial space where intimate contact with the hepatocyte surface is made. In the
comers of the polygon, within the portal space, a venule (a branch of the hepatic artery),
an arteriole (a branch of the hepatic artery) and a duct (part of the bile duct system) are
grouped together to form the portal tract. These macrostructures are also easily identified
in a photomicrograph of rat liver (Figure 3.8). The central vein is rnost easily
recognised, as are the sinusoids lined by the walls of hepatocytes. In some of the
sinusoids, a number of erythrocytes lined up in a row can be found. A portal space can
be identified in the lower right hand comer of Figure 3 .8 \
Figure 3.9 recaptures and summarizes the routes of blood circulation through the
liver which can be followed in the schematic drawing of Figure 3.7 and also in the
micrograph of Figure 3.8. It becomes obvious that the blood flowing through the
sinusoids is a mixture of arterial and portal venous blood. The blood flows from the
periphery to the centre of the hepatic lobule. Therefore, the metabolites and other toxic
or nontoxic materials absorbed in the intestines first flow along the peripheral cells

^

Since this sample has been subject to laser irradiation, in this area of the tissue
certain features linked to thermal damage can be identified. These features will
be discussed later in Section 3.2.3. The procedure of animal and sample
preparation is also described there.
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Figure 3.9: Principle paths o f blood flow in the liver.

before they reach the central cells o f the lobule. This structural property has
consequences for the cytological and physiological behaviour o f hepatic cells situated
at different distances from the central vein. Therefore, pathological changes are first
found predominantly in the peripheral hepatocytes.
Liver cells reveal a polyhedral structure and have a diameter o f approximately
20 |im. Figure 3.10 shows a TEM of a hepatocyte. Beside the spherical nucleus (NU) with
its one or two nucleoli, several structures and organelles can be found in the cytoplasm,
the histological form and physiological function o f which will be discussed in turn. For
easier identification o f cellular structures a schematic drawing o f a hepatocyte is shown
in Figure 3.11.
Endoplasmic reticulum. Both smooth ( s e r ) and granular ( g e r ) endoplasmic
reticula are present. Several proteins, such as blood albumin, prothrombin and
fibrinogen, are synthesized in these structures. The proteins are not stored in the
cytoplasm but are released into the bloodstream gradually via the Golgi
apparatus. The SER is believed to possess a key function in the inactivation or
detoxification o f various substances by binding sulphate or glucuronide. It shows
instant reaction to changes in the environment. In animal experiments,
administration o f certain drugs have been shown to generate an immediate
increase in the size o f the SER o f the hepatocyte in line with an increase in
enzyme activity.
Golgi apparatus. A

Golgi apparatus (ga),
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usually located near bile
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Figure 3.10: Transmission electron micrograph of a normal hepatocyte (bar is
equivalent to 5 |xm). Compare to the schematic of a hepatocyte (Figure 3.11).
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Figure 3.11: Schematic of a hepatocyte. Compare to the TEM of a hepatocyte
(Figure 3.10).
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canaliculi,can be identified. It takes part in the generation o f lysosomes and in
the production and secretion of blood proteins.
M itochondria. Characteristic o f a hepatocyte is its large number o f mitochondria
(MI) which can exceed 2000. They can be found in a spherical or ellipsoidal

form (ca. 200 - 800 nm in diameter). A mitochondrion reveals a typical double
membrane structure. An inner membrane is multiply folded inwards to form
cristae and is surrounded by the outer limiting membrane. Mitochondria are
responsible for the production of energy which is required to maintain cellular
function and protein synthesis. This is done in the process o f oxidative aerobic
phosphorylation. It involves multiple oxidation steps o f various enzymes within
the inner mitochondrial membrane to eventually convert adenosine triphosphate
to adenosine diphosphate and release energy. The energy is stored by pumping
protons out o f the mitochondrion and hence generating a proton gradient,
equivalent to both an electrical and pH gradient across the membrane.
Lysosomes. Some lysosomes (LY) can be identified in the cytoplasm. They
appear as membrane-bound vesicles that function as the digestive system o f the
cell. Lysosomes are capable o f degrading all types o f macromolecules, both of
exogenous or endogenous origin and are discharged from the cell under certain
circumstances to function outside it.
Lipid and Glycogen. Between the cellular organelles, lipid (l p ) and glycogen
(GLY) can be found in the cytoplasm. Thus, the hepatocyte can also act as a

storage compartment for metabolites. Lipid is found in small (ca. 100 nm
diameter) droplets. Glycogen is the polysaccharide storage form o f glucose and
is present as single granules (ca. 30 nm diameter, so-called p glycogen) and as
clumps (ca. 100 nm diameter, so-called a glycogen). It can easily be identified
in electron micrographs as electron-dense granules near the

ser.

The amount

present in the liver cell depends on the nutritional state, and changes according
to a daily rhythm. The glycogen acts as a depot for glucose and is mobilized
when the blood glucose level falls below normal.
B ile canalicus and ceil membrane. The plasma membrane o f a hepatocyte is
either in contact with the sinusoids and hence the blood fluids or with the surface
o f a second hepatocyte. It shows specializations depending on this environment.
In the latter case, a small tubular space between them can be found: the bile
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canalicus (BC), which is the first part o f the bile duct system. Usually, it has a
diameter of 1 to 2 |im. The bile canaliculi constitute a complex network of
anastomosing tubes which advance along the plates o f the liver lobule and
terminate in a bile duct within the portal canal. The direction o f the bile flow is
therefore opposite to that o f the blood. Microvilli (MV) extend from the plasma
membranes o f both adjacent cells into the lumen o f the canalicus. Where the
plasma membrane is bordering a sinusoidal space, numerous long microvilli,
irregular both in shape and size, can be found. Next to these microvilli, vacuoles
and vesicles are present.
Endothelial cells. Outside the hepatocyte, endothelial cells (e t ) line the cell
membrane adjacent to a sinusoid to form a space, the so called D isse’s space
(DS) into which blood fluids, but no blood cells can enter.

3.2.2

Sublethal changes in anatomy and physiology with increasing
tem perature

When temperature increases above the normal level but below a damaging
threshold, a number o f changes in physiology (and even anatomy) o f a cell or a
complete organism can be found. In general, an increase in temperature leads to a higher
reaction rate o f the biochemical processes taking place in a cell or organism. Only a few
examples o f the influence of elevated temperature on biological systems will be given
here to illustrate this effect. These examples are taken from the compilation by Johnson
et

where the effect o f temperature is discussed extensively.
The increase in the metabolic rate or, in general, the speed at which biological

processes take place with increasing temperature can also be shown in more complex
organisms. Figure 3.12 shows, in comparison, the relative rate o f chirping o f the tree
cricket {Oecanthus), the rate o f human heartbeat, and the rate o f tapping with a finger
as a function o f body temperature. The experiments on human subjects (Hoagland and
Perkins^^^, 1934-1935) were carried out by inducing a temperature increase either by
diathermy or by influenza. It is striking that such a complex process as is taking place
in the human brain can show such a distinct dependence on temperature^. Under normal

^

The interpretation o f these experimental results would lead to the conclusion that
the individual sense o f time depends on the metabolic rate o f the chemical
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Figure 3.12: Temperature dependence o f the frequency o f chirping o f the tree
cricket, frequency o f heart beat and rate o f tapping o f human subjects (data taken
from Johnson et al.^’^).

conditions, the human body has a well functioning regulatory mechanism for
temperature which keeps the core temperature fairly constant at around 37°C. However,
a temperature between 42°C and 43°C is regarded as the upper limit for survival. The
cause of death in a long-lasting hyperthermia can often be found in cardiovascular
failure due to the excessive dilation o f the skin vessels in an attempt by the body’s
temperature regulatory mechanism to eliminate excess heat through the body surface^®^.
A further characteristic o f biological processes is the existence o f a temperature
optimum. An obvious region o f optimal temperature can be found for most organisms.
This is illustrated in Figure 3.13 using the example o f the bacterium Rhizobium trifolii.
The change in metabolic rate is measured as a function o f temperature by watching the
oxygen consumption o f the bacterium. When temperature increases from values below
room temperature (l/T=ca.0.(X)345), an increase in the oxygen consumption can be

processes in the brain. This implies that time should seem to pass more slowly
when the body temperature is raised and vice versa.
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observed. When the temperature increases further, a maximum in oxygen consumption
is reached (in this case at a temperature o f ca. 37°C, l/T=ca. 0.00324), before the rate
o f oxygen consumption drops sharply. This behaviour can be interpreted as the
acceleration o f the action of enzymes by heat at lower temperatures and the destruction
o f these enzymes at the relatively high temperatures. It is this part o f the temperature
dependence o f a living system which is the concern o f this work. The increased speed
o f metabolic processes within a cell with temperature below the damage threshold puts
excessive demands on the energy production, in the mitochondria in particular.
When these two examples o f the temperature dependence o f metabolic processes
are applied to rat liver, changes in physiology and anatomy, o f mitochondria in
particular, may be expected. Swelling o f the mitochondria and disruption o f cristae were
observed^^ when rat liver samples were kept at 50°C for 150 s or when Nd:YAG laser
light was used^^. Although this temperature is high enough to generate irreversible
and lethal changes to the cell anatomy, there is experimental evidence to show that the
increase in metabolic rate (below a damage threshold) has already lead to a swelling o f
the mitochondria. The decrease in the optical density o f mitochondria suspended in a
hypotonic solution was interpreted as being a result o f the swelling^^*. An osmotic
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Figure 3.13: Oxygen consumption o f bacteria {Rhizobium trifolii) as a function of
inverse temperature (data taken from Johnson et al.^^^).

99

gradient may be generated by an increase in metabolic rate. The energy production at
each step of the oxidative phosphorylation involves the pumping of protons out of the
mitochondiron^^. This results in an electrical and pH gradient across the membrane.
The electrical gradient drives ions across the membrane back into the mitochondrion
which eventually leads to an osmotic gradient. As a result water molecules are driven
into the mitochondrion and the internal hydrostatic pressure is increased. A second
concern is that conformational changes to membrane lipids may occur at temperatures
of about 45°C, and contribute to the destruction of mitochondria, endoplasmic reticula
and cellular membranes by weakening the membrane sheet. Spectroscopic studies on
both living cells and isolated membranes^®” suggest that membrane lipids appear to
gradually lose their structural order above 37°C and undergo a phase transition to a more
"fluid" phase.
The combined result of the increase in hydrostatic pressure inside the
mitochondria and the weakening of the membrane sheet may explain an experimental
finding during the TEM studies presented here which was also found by Kull et al.^^

%

Figure 3.14: TEM of two mitochondria with their outer limiting membrane being
destroyed (bar is equivalent to 1 |im).
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Figure 3.14 shows an image o f a pair o f mitochondria with their outer limiting
membrane being destroyed. The rupture of the membranes, which holds similarities to
the way a balloon explodes due to high internal pressure, indicates the existence o f a
preceding build up of pressure within the mitochondrion^.

3.2.3

Lethal structural and ultrastructural changes with thermal damage

To study the effect of laser induced thermal damage to the ultrastructure o f rat
liver, a small series of in vivo experiments were carried out. The principle aim of the
study was to obtain a complete spectrum o f different degrees o f thermal damage to the
tissue by illuminating the surface of the liver with an intense NdrYAG laser beam. By
taking a central biopsy of the generated lesion, it was possible to acquire a cross section
through this spectrum which could be used in light or transmission electron microscopy
to identify and quantify the damage to the tissue. It is obvious that an ultimate
quantification o f the thermal damage, relating the observed damage to the thermal
history o f the tissue, is not possible with this method since for various reasons the exact
temperature distribution within the tissue is unknown.
Experimental procedure. The study was carried out on a pair o f adult Wistar
rats. After administration of Fentanyl Citrate (0.32 mg in total), a laparotomy was
carried out on the anaesthetized animal to expose the liver. The largest liver lobe,
supported and secured by a surgical swab, was aligned for irradiation. For illumination
o f the tissue the light o f a 1.064 p.m, continuous wave (CW) Nd:YAG laser was coupled
into a 400 |im fibre. Shortly before the start o f the experiment, the emitted power at the
distal fibre end was measured using a power meter (Coherent, Model 201) and the laser
power adjusted such that 4 W was delivered. The fibre was placed above the exposed
liver lobe with the fibre tip being at a distance o f about 5 mm above the tissue surface.
A precise adjustment o f the distance could not be achieved, since the liver lobe was

The cell in which the two mitochondria were located is believed to have
undergone only a small increase in temperature since it was located at the bottom
end o f the biopsy sample (see Figure 3.15), far away from the light source.
Otherwise, it showed no histopathological change. The heat damage to the cell,
therefore, may have been very small but the metabolic rate within the cell, may
have been running high due to the increased temperature. If the cell had been
kept at this elevated temperature for longer, such a structural change may have
been found throughout the cell and would have lead to its death.
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moving regularly due to respiratory movements o f the animal. The tissue was exposed
to the laser light for 50 seconds. After this time, the surface o f the liver showed clearly
the signs of thermal damage. In particular, a shrinkage o f the tissue and the onset o f
desiccation was observed. A central biopsy o f the circular lesion was obtained
immediately after the end o f the exposure using a standard 20 mm biopsy needle. The
tissue sample was then immediately immersed in fixative (2% glutaraldehyde in 0.1 M
sodium cacodylate buffer at pH 7.2). As a control sample, a biopsy from an un
irradiated liver lobe was taken as well. Until further processing, the fixed samples were
kept at 4°C. A standard preparation for TEM followed before embeding in paraffin wax.
Prior to TEM, the paraffin blocks were cut to size and light microscopy carried out on
1 jim slices. Before staining with Toluidine Blue (1% solution in 1% borax), the slices
were gently heated to about 70°C and immersed in sodium methoxide to remove the
resin. The gentle heating was carried out to ensure that the samples stretched back into
their original length after being compressed by the cutting process. Figure 3.15 shows
a photomicrograph o f the longitudinal cut o f one o f the processed samples. The liver
surface which was facing the incident laser beam is to the left. The original length o f
the sample was about 4 mm, o f which 2/3 are shown in Figure 3.15. Areas o f interest
were identified in the light microscope slices. Slices for the TEM studies were then taken
both close to the irradiated surface and at the very bottom, furthest away from the
incident laser light. The thickness o f these slices was about 90 nm. The samples were
stained in Aques uranyl nitrate (2-4%) and in Reynolds lead citrate for 10 minutes each.
Light microscopy. Although light microscopy can rarely be used to reliably
identify cell death immediately following a thermal insult^°\ a number o f obvious
properties common to all damaged cells can be found in the case o f severe thermal
damage. In Figure 3.15, a distinct difference, both in shape and staining can be noticed
between the hepatocytes at the bottom o f the sample (right hand side) and the top o f the
sample. The cells close to the surface appear shrunken and reveal hyperchromasia
(increased intensity of staining). At the surface, temperatures were higher due to the
proximity to the incident light and the thermal insulation o f the tissue-air boundary. The
shrinkage can be explained by the contraction o f intracellular proteins and collapse o f
the cytoskeleton^®\ but in this case it may well be the simple result o f the evaporation
o f cellular water through the tissue surface. A second effect observable with light
microscopy can be seen in Figure 3.8. When compared to the control sample, the cells
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Figure 3.15: Light microscope photograph of laser irradiated rat liver, showing
areas of different thermal damage along the slice (irradiated surface of sample is
shown on the left).
close to the central vein look perfectly normal. The nuclei of these hepatocytes appear
to be less stained than the surrounding cytoplasm. This changes with radial distance of
the hepatocytes from the central vein. The further away a cell is located, the more
hyperchromatic the nuclei appear. Furthermore, the cytoplasm appears to be more
structured. This indicates that these cells have accumulated more thermal damage than
those closer to the central vein. This apparent dependence of the thermal damage on
radial distance from the central vein may have its origin in the cooling effect of the
blood flow through the vessel.
Transmission electron microscopy. Thermal damage can be identified more
easily and earlier with TEM than with light microscopy. Lethal thermal damage to a cell
can be recognised immediately after the thermal impact. An obvious TEM marker of cell
death is the accumulation of chromatin at the nuclear membrane. In the case of severe
damage, destruction of cellular structures is obvious^®^*^®^.
Three pairs of transmission electron micrographs (Figure 3.16-Figure 3.21), each
pair at a different magnification, have been selected to demonstrate a variety of the
ultrastructural changes caused by thermal damage. Even at the lowest magnification, the
difference between the normal tissue in Figure 3.16 (sample taken from the bottom of
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Figure 3.16: TEM of part of a normal (rat) liver lobule. Compare to the ultra
structure of the thermally damaged liver as seen in Figure 3.17 (bar is equivalent
to 20 |im).
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Figure 3.17: TEM of part of a thermally damaged (rat) liver lobule. Compare to
the ultra-structure of the normal liver as seen in Figure 3.16 (bar is equivalent
to 20 |xm).
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the biopsy) and the severely damaged tissue in Figure 3.17 (sample taken from the top
o f the biopsy) is so obvious that there is hardly the need for elaboration. Although there
are no vital cellular structures recognisable in Figure 3.17, the general outline o f the
cells is still visible^. Cellular membranes and nuclei can still be identified as an
interruption o f the otherwise chaotic structure. Remains o f a nucleus and o f a cellular
membrane are indicated by arrows in Figure 3.17. This is dead tissue.
A higher magnification allows easier identification o f the remains o f cellular
components. In Figure 3.19, the outline o f a nucleus is visible. There is hardly any
nuclear membrane remaining and no endoplasmic reticulum can be found (compare this
to the image o f the normal cell. Figure 3.18). It is difficult to find remains o f
mitochondria in this TEM. However, once the reader has seen the shape o f thermally
destroyed mitochondria in the next pair o f TEM, numerous "what was once"
mitochondria can be clearly identified in Figure 3.19 beside that which is marked (MI).
A damaged cellular membrane can be recognised as a linear structure extending from
top to the bottom left o f the nucleus, indicated by arrows. Just before it reaches the
intercept with the membranes of the neighbouring cell at the bottom o f the micrograph,
the remains o f a bile canalicus is apparent. Only speculations can be made as to where
the Golgi apparatus may have been located in the cell before the thermal impact. At the
highest magnification presented here, remains o f cellular components are more easily
found (Figure 3.21). In the top right hand comer o f Figure 3.21, membranes (or rather,
what is left o f them) o f the Golgi apparatus and the endoplasmic reticulum can be
found. Between this structure and the circular structure o f the nucleus, the ruins o f a
mitochondrion can be identified (a small circular shape, indicated by arrows). The
mitochondrial membrane is destroyed and electron dense particles (of about 80-100 nm
in diameter) appear inside. These are believed to be denatured and coagulated globular
proteins^^ which exist in large concentrations as enzymes o f the respiratory chain within
mitochondria. In fact, the appearance of these particles can always be linked in this TEM
to the fragments (predominantly membranes) o f metabolising organelles. Large areas o f
smaller electron dense particles (ca. 20 nm diameter) without the remains o f membranes
or denatured proteins can be related to similar areas in the cytosol in native cells

This fact has already been explored by using heat as a way o f fixing tissue
samples for electron microscopy^^* where heating by microwave irradiation may
be used at the start o f the preparation procedure.
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Figure 3.18: TEM of a normal hepatocyte. Compare to the ultra-structure of the
thermally damaged hepatocyte as seen in Figure 3.19 (bar is equivalent to 5 |im).
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Figure 3.19: TEM of a thermally damaged hepatocyte. Compare to the ultra
structure of a normal hepatocyte as seen in Figure 3.18 (bar is equivalent to
5 |im).
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Figure 3.20: TEM of a normal hepatocyte at higher magnification. Compare to the
ultra-structure of the thermally damaged hepatocyte as seen in Figure 3.21 (bar is
equivalent to 1 |xm).
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Figure 3.21: TEM of a thermally damaged hepatocyte at higher magnification.
Compare to the ultra-structure of a normal hepatocyte as shown in Figure 3.20
(bar is equivalent to 1 }im).
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(Figure 3.20). These small electron dense particles were identified as p-glycogen
granules^^, usually apparent in the cytoplasm o f a large variety o f cells.

3 .3

E x p e r im e n t a l

d e t e r m in a t io n o f c o a g u l a t io n r a t e

CONSTANTS

The measurement o f changes in optical properties in general is a standard
principle used in physical chemistry to observe reaction kinetics**^. Changes in light
scattering are also frequently used to characterize and study cell population
parameters^®^’^®^. An optical technique, o f course, requires that at least one o f the
optical properties o f the components taking part in the reaction changes. Changes in the
optical properties may be changes in absorption, scattering, optical rotation, fluorescence,
etc. In general, optical techniques have a number o f advantages which make them very
suitable for the determination of the chemical reaction speed.
•

The data acquisition can be performed very rapidly, allowing the observation o f
very fast processes (eg. at high temperatures).

•

The measurement can be performed continuously such that a large time span o f
the reaction can be observed.

•

The light does not usually interfere with the reaction, providing a non-invasive
monitoring technique.

The spectral differences in absorption coefficient between reactants and products o f a
reaction are frequently used to determine the concentrations o f components during a
chemical reaction. Multilinear regression o f spectra obtained from each o f the
components to the measured spectra during the reaction allows accurate calculation o f
the required concentrations as a function o f time. Already, the measurements presented
by Arrhenius^^, who was the first to describe the principle o f rate processes, were based
on an optical technique, namely, the observation o f changes in optical rotation o f sugar.
As was mentioned above in Section 3.1, optical techniques are often used for the
structural analysis o f proteins, but can also be o f great value in the study o f the
dénaturation kinetics o f proteins^’^*^^"^. Absorption spectroscopy in the ultraviolet region
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is frequently applied in such studies^^"*. Although the coagulation o f proteins is a process
secondary to dénaturation (see Section 3.1.1), the resulting increase in scattering
coefficient may be used as an easily observable parameter in the determination of
dénaturation and coagulation kinetics. With all this evidence available to demonstrate
the value of optical techniques for the study of rate processes and dénaturation kinetics,
it is surprising that this principle has only recently been applied to the determination of
the speed of thermal damage to tissue.
Indirectly, the change in scattering coefficient of the thermally damaged retina
was used by Welch and Polhamus^"*^ to determine the diameter o f laser generated
lesions. With the measured temperature increase and the use o f a damage model
according to Henriques^^ rate process parameters, A and £ , were estimated^. More
recently, Jacques et al. have employed changes in scattering coefficient directly in an
attempt to determine rate process parameters for the thermal dénaturation of porcine
The reduced scattering coefficient was determined on samples which had
spent various periods of time in a temperature controlled water bath. By assuming a
linear relationship between the change in scattering and the thermal damage to the
tissue, a first order rate process was fitted to the experimental data. Yang et al. presented
a very simple technique which was used to study the thermal dénaturation of the yolk
and white of the egg. The time taken for the sample to turn white was used as a crude
and subjective parameter to determine the reaction rate constants^®*. Essenpreis and
Mills used collimated transmission measurements to examine the changes in scattering
coefficient during a thermal insult^®^. Details of the theoretical background and the

t

The original work on the application of rate process models to thermal damage
of tissues was reported by Henriques and Moritz in a series of papers on
"Studies of Thermal Injury" in 1947. An empirical parameter, Q, was introduced
in their work to quantify the damage. This parameter can be calculated from
experimentally determined rate process constants, E and A, in a classical
Arrhenius integral.
r

n(x) = A J e

- ^

^dt

This damage parameter has been employed in numerous publications on laser
coagulation of tissues in the past to either predict the accumulated damage to the
tissue for a given thermal history or, in the inverse process, to evaluate A and E.
The inherent problem of all these attempts was the definition o f a specific
thermal damage, which could be used as an observable parameter.
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experimental technique are described in the following section. A comparable
experimental technique facilitating the observation of a tissue sample during the heating
process was recently presented by Pickering et al. Initial tests o f the technique were
carried out on the white and the yolk of egg^*®. Their attempts to correct for the non
constant temperature during the initial heating phase (more than 1(X) seconds), an
inherent problem of their experimental technique, have yet to show that the calculation
o f the required reaction rate constants is possible.
The purpose of this entire section is to evaluate the use o f the rate of change in
the scattering coefficient during thermal coagulation o f tissue proteins in the
determination of the kinetic properties of the reaction. An experimental method for the
study of the dénaturation rate of tissues is presented in more detail. The potential of the
technique is demonstrated by its application to a study of the coagulation kinetics of
homogenized rat liver.

3.3.1

Change in scattering coefficient with dénaturation

The underlying principle of the technique makes use of a measurement of the
optical attenuation of a thermally and optically thin sample observed during thermal
dénaturation. As was shown in Section 1.2.1, the scattering coefficient of a sample can
be expressed in terms of the scattering cross section o f the particles and the number of
particles per unit volume (see Equation (1-2)). Starting from this relationship, a simple
theory can be developed to link the reaction rate o f protein dénaturation and coagulation
to the observed change in n,. Scattering theory is used in an attempt to find the
fundamental conditions that have to be fulfilled for the rate of change in scattering
coefficient to be proportional to the rate of protein dénaturation and coagulation.
It is assumed that the observed change in

is due to the coagulation of proteins.

The particle size of the aggregates of denatured proteins is larger than that of the native
proteins which, at the particle sizes and wavelengths considered, results in an increase
in scattering efficiency (see Figure 1.1). A second consequence is a reduction of the total
number of particles per unit volume since a coagulated protein particle consists of
several denatured single proteins. Let

be the scattering coefficient of the native

protein and p / be the scattering coefficient of the denatured and coagulated protein (for
simplicity the discussion is restricted to only one protein type being present, but may
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be extended to multiple types). It is assumed that there are no intermediate steps of
dénaturation or coagulation which would alter the scattering coefficient, but the particles
present are either native protein or an aggregate of denatured proteins in a "final" stage
(see discussion at the end of this section for the validity of this assumption). In an
optically thin slab where both native and coagulated particles are found, the scattering
coefficient o f the mixture can be written as the sum of the single scattering coefficients:

(3-8)

In terms o f the scattering cross sections ( a / and a /) , which are assumed constant
properties of both the native protein and the coagulated form, and the number of
particles per unit volume (N"/v and N*/v), Equation (3-8) can be expressed as

^

^

(3-9)

At the beginning of a thermal dénaturation (r=0), the number of native proteins is N q
and there is not yet any aggregation of denatured proteins (A*=0). The scattering
coefficient

at time f=0, therefore, is

(3-10)

With the start of the thermal dénaturation of the protein molecules, the number of native
molecules decreases, and the number of aggregates of denatured molecules increases.
Thus,

becomes a function of time, and Equation (3-9) becomes

H/O = 1

"(/)

-(;))

(3-11)

The number o f native protein molecules as a function of time can now be expressed
according to a first order rate reaction (see Equation (3-2)) with a reaction coefficient k

A "(f) =Agg

(3-12)

Using Equation (3-12), the number of aggregates of denatured proteins can be expressed
as a function of the initial number of protein molecules present, if it is assumed that/^
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denatured molecules are necessary to generate one denatured aggregate, i.e. all
aggregates are of the same size (it is also assumed that the aggregation takes place
instantly and is not part of a further rate reaction, see also discussion at the end of this
section).

=K ^(i
Y
Jd

(3-13)

Jd

The change in scattering coefficient Apg(t) can now be written down using Equations
(3-10), (3-11), (3-12) and (3-13):

^ a ’ ° { l- e - ^ ) - <f.N,

Au(e)=^l(e) - ^1° = 1

(3-14)

Id

Equation (3-14) can be rewritten as

An,(r) =

..K

-

V

(l - e ■*')

(3-15)

L

in which the first term is constant and depends only on the scattering and physical
properties of the protein under study. Closer inspection of this term shows that this is
equivalent to the difference between the scattering coefficient of the fully coagulated
sample and the scattering coefficient of the native sample. Hence, (3-15) may be
formulated as

(3-16)

with Ap,”- being

(3-17)

Ap:
Id

Equation (3-16) is the fundamental relationship sought. It will be used to calculate the
reaction rate constant k from experimental data of the change in scattering coefficient
with time during thermal coagulation.
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3.3.2

Experimental technique

A specially designed sample holder allows rapid immersion of a tissue sample
in a temperature controlled water bath (Figure 3.22) in which forced convection ensures
a constant sample surface temperature. Details of the sample holder and water bath are
shown in Figure 3.22(a). As shown in Figure 3.22(b), the tissue sample is placed
between two microscope cover slides (thickness d^“ 100|im) held apart by a polyethylene
spacer (d,=125|im). The thickness of the sample and the glass cover slides were chosen
to be small for two reasons: to avoid multiple light scattering in the sample and to
decrease the thermal relaxation time of the sandwich in order to rapidly achieve thermal
equilibrium throughout the slab after immersion in the water bath.
The sandwich is placed in a Perspex holder (30x30x10 mm^) and compressed
tightly by four screws at each of the comers of the Perspex holder. Despite a high
thermal expansion coefficient. Perspex was chosen for its relatively low heat capacity.
The holder contains channels allowing water to flow over the glass surface (see
Figure 3.22(a)). The water can enter the sample holder from the side and, after flowing
along the glass surface, leaves at the top. This avoids air bubbles being trapped in the
sample holder. The water bath and the sample holder were designed so that the water
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Water
Flow In
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Flow
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125um

(a)

(b )

Figure 3.22: Water bath and sample holder (a) with detail o f sample being held
between two microscope cover slips (b).
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can only start to flow over the sample once the sample holder is located in its final
position in the water bath. Saline is constantly pumped through the holder by a
temperature controlled circulator (Figure 3.22(a)). The circulator ensures a known and
stable heating temperature (variation in temperature smaller than ±0.2°C). Shortly before
the sample is immersed, the temperature of the water bath is recorded. At the beginning
of the measurement, the sample holder is pushed rapidly into the water bath (the device
is at thermal equilibrium at that time). Due to the low heat capacity of the Perspex and
the sample sandwich, the rapid fluid flow, and the water bath being at thermal
equilibrium, the surface temperature o f the glass can be assumed to be constant and
equal to the temperature of the circulating saline. The thermal time constant of the
glass/tissue sandwich determines the heating time needed to achieve a homogeneous
temperature distribution throughout the sample. The change in sample temperature as
a function of time, after the glass/tissue/glass sandwich has undergone a step change in
temperature at both glass surfaces, was calculated using a finite element solution to the
heat transport equation for this geometry (see Figure 3.23). The thermal properties of
glass and tissue respectively were used for the calculation. The thermal time constant
0-0^ S
Short
was found to be approximately 5 © ^ , which is sufficiently lafgc to enable measurements
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Figure 3.23: Temperature distribution within the sample holder after a step change
in temperature at the surface of the microscope cover slits.
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Figure 3.24: Experimental setup for the determination of coagulation kinetics of
tissues.

of dénaturation rate at temperatures up to about 65°C.
A pulsed Nd:YAG laser (1.064 p.m) was used to illuminate the sample (see
Figure 3.24). The transient light intensity transmitted through the sample, collimated by
a set of apertures and a positive lens, was detected by a Germanium diode and recorded
using a computer controlled data acquisition system (see Section 5.1.1 and Appendix A).
The input pulse intensity was also acquired. Numerical integration of the laser pulse
intensity yielded the transmission of the sample when compared to data from an empty
sample holder.

3.3.3

Coagulation rate constants of rat liver

The experimental technique was tested using homogenized rat liver. The liver
was frozen 1/2 hour after excision and kept at -20°C for approximately 1 week. It was
unfrozen for further preparation which involved the removal o f the porta hepatic and
homogenization of the remaining liver lobes in a dedicated tissue emulsifier (Silverson,
England). Care was taken to avoid heating of the tissue by friction in the emulsifier.
Gentle centrifugation at 2000 rpm for 10 minutes was necessary to remove air bubbles
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trapped in the emulsion. During the entire process and until the measurement
commenced, the tissue was kept at 4°C. Using a syringe, a small fraction of the
homogenized tissue was placed in the sample holder and a measurement of attenuation
change was taken at a preselected temperature. An example of the relative change in
transmission as measured on the homogenized liver at a temperature o f 50°C is shown
in Figure 3.25. Iq is the measured light intensity with no sample present in the sample
holder before the start of the measurement and /, is the light intensity measured after the
sample was immersed in the water bath at time f=0. From this measurement, Ap.^ can
be calculated if it is assumed that the sample is optically thin and the absorption
coefficient stays constant during the measurement.
The relative change in scattering coefficient is shown for a set o f measurement
in Figure 3.26, where

is the maximum change in scattering coefficient observed

after 250 s of heating at a temperature of 62.5°C (see discussion at the end of this
section for the selection of this rather arbitrary end point). Measurements were
performed at 10 different temperatures between 40 and 62.5°C in steps of 2.5°C on
samples from the same liver. This set of measurements was repeated on three different
homogenized samples. For all samples, a significant decrease in transmittance (about
15% compared to the initial transmittance at t=0) was observed during the measurement
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Figure 3.25: Example of measured intensity decay as a function o f time, when a
sample is immersed in the water bath at time f=0.
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Figure 3.26: Relative change in scattering coefficient with time for different
temperatures.

period of up to 250 s (depending on the temperature). The strong dependence of the
coagulation rate on the temperature is obvious from Figure 3.26. Assuming a first order
rate process, an exponential regression was carried out on each of the data sets.
Figure 3.27 shows an example of such a fit with the resulting time constant. In the final
step of the data processing, the time constants of all data sets were plotted against
inverse temperature in an Arrhenius graph as is shown in see Figure 3.28. A linear
regression through the data points in this graph yields the desired reaction rate constants.
The activation energy is E//?=2.01T0'^ K {R is the universal gas constant) and the
frequency factor is A= 1.49T0^ s'\ In terms of the usual thermodynamic quantities used
in chemical kinetics, this translates to a change in enthalpy, AH=167 kJ mol \ and a
change in entropy, AS =236 J mol^ K \
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Figure 3.27: Relative change in scattering coefficient with time and fitted rate
process.
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Figure 3.28: Arrhenius plot of the time constants measured for thermal coagulation
o f homogenized rat liver.
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3.3.4

Discussion of the experimental technique

A comparison with published data of reaction rate coefficients o f thermal damage
to tissue shows that coefficients obtained in this study are similar. The analysis yields
slightly smaller changes both in entropy and enthalpy than those reported by
Jacques et d\?^ Greater changes were found in comparison with coefficients derived
from in vivo studies by Matthewson et al.'*^ Also, the coefficients fit well with the
existing data on bacteria, viruses and proteins in terms o f the compensation law shown
in Figure 3.5.
The reasons for remaining discrepancies may be found in methodological
differences to other techniques, especially those using histological examinations to
measure the extent of thermal damage. Points of criticism concerning this study include
experimental

deficiencies

which

may

be

improved easily

or methodological

simplifications to data processing which may require further knowledge about the
proteins and tissue under study.
Experimental limitations. In a separate experimental study (see 5.2), the
scattering coefficient of thermally damaged rat liver was found to be greater than
14 mm *. The samples used in this study cannot therefore be regarded as optically thin,
and contributions to the measured signal made by second order scattering events cannot
be ignored. It would be preferable, therefore, to decrease the sample thickness further.
However, a smaller sample thickness will result in a poorer signal to noise ratio, which
is incompatible with the sensitivity of the light source and detector system used. It is
also contra-indicated by the following reasoning for the artefacts frequently observed
when native tissue was used. The intensity-decays measured on native tissue were often
interrupted by large step-changes in transmission and were usually not as smooth as
those observed on homogenized tissue (see Figure 3.25). These sudden jumps made the
use of the data in the calculation of reaction rates impracticable. It is believed that the
reason for these artefacts was the sudden release of stresses within the heated sample.
These stresses may have built up through pressure applied to the connective structure
of the normal tissue when placed between the two microscope cover slips. This
hypothesis is supported by the fact that the use of homogenized tissue avoided the
problem. These arguments may suggest that the rate reaction measurement on normal
tissue (not homogenized) would become impossible if the sample thickness is reduced
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further.
Another possible experimental deficiency is the seal of the sample holder. When
long heating times are required at low temperatures, it may be possible that water leaks
into the sample which could disrupt cells and organelles, leading to a change in
scattering coefficient. In the study presented here, it was ensured that the tissue was
tightly squeezed to achieve a good seal. In addition, physiological saline rather than
water was used as the heating liquid to prevent osmosis should a leak occur. There
remains concern that even the saline leaking into the sample would alter the coagulation
rate by changing the pH (see Section 3.1.2). For the current design o f the sample holder
it is recommended that a buffered isotonic solution be used as a heating liquid.
The calculation of the rate constant k for each set of data was carried out by
using simple curve fitting techniques. However, there is a large number of publications
in physical chemistry dealing with this problem in detail and suggesting optimal
solutions for various applications. Recipes to calculate mean values and standard errors
of rate constants and temperature coefficients were given, for example, by Cvetanovic
et al.^“ and may be used in a more sophisticated method of data processing.
Methodological limitations. The experimental data obtained in the study on
homogenized rat liver was processed according to the derivation of a theoretical change
in scattering coefficient (see equations (3-16) and (3-17)). Two assumptions had to be
made for this derivation: that a single protein species exists in the sample holder, both
in coagulated and native form and that the coagulated state exists in only one form. The
dénaturation process which happens before the coagulation was assumed to be
irreversible. These two simplifications need consideration.
•

Firstly, the homogenized tissue comprises a large number o f different protein
species which may possess different coagulation rate constants. Experimental
evidence for the existence of more than one rate constant, which would have
been seen as more than two subsequent decays in transmission, was not found.
Furthermore, whilst the careful homogenization was unlikely to have changed the
overall composition of the tissue proteins, their individual distribution within a
living cell would have been destroyed and, more importantly, the cellular repair
mechanisms would have been disabled. Therefore, the absolute values o f reaction
rates presented here have to be interpreted very carefully.

•

Secondly, the coagulation process is a gradual process of polymerization (see
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Section 3.1.1). As a consequence, the particle size o f the aggregates is increasing
continuously, a / is, therefore, not constant as was assumed to derive
Equation (3-17) and the product a/A * may not be linearly related to the degree
of coagulation. The assumption that the coagulation state is directly proportional
to the change in scattering coefficient is therefore in doubt.
•

Thirdly, the assumption that the change in scattering coefficient reaches a
maximum was necessary to apply a first order rate process. The coagulation time
of 250 s at 62.5°C was chosen as an arbitrary end point of the reaction, since the
rate of change in scattering coefficient at this point was small compared to the
rate of change within the first 10 s. It may be possible to consider a reverse
reaction (renaturation). This is likely to take place at lower temperatures
(between 40°C and 50°C) and would, therefore, result in a different maximal
change in scattering coefficient at each temperature. How this can be dealt with
is explained in Section 3.1.3. An attempt to use this principle on the set of data
from this study failed because the observation times at each temperature were not
long enough for the sample to have reached equilibrium.

•

Fourthly, the coagulation of proteins is secondary to the dénaturation o f proteins.
In general, both should be regarded as independent, sequential rate reactions.
This would require the use of a model of two consecutive reactions (see
Section 3.1.3) to process the experimental data. However, this would only be
necessary if the two reaction rate constants are o f comparable size. Otherwise,
the slower of the two would dominate the total reaction rate.

A final reminder of the need of careful interpretation of the coagulation rate constants
determined in this way may be necessary. Since the measurements are based on the
change in scattering coefficient with coagulation, the reaction rate evaluated from this
change should be used, first of all, only as a means of describing this change as a
function o f time and temperature. This is how it will be used later in this thesis in
Section 6.4. The transfer of these reaction rate constants to a damage model (in
particular to in vivo applications) should be made with great care. Of course, once a
change in scattering coefficient has taken place, the tissue can be regarded as being
irreversibly damaged. However, the irreversible damage is most likely to occur at an
earlier stage than the change in scattering coefficient. Extensive in vivo studies with
careful quantitative histology to assess the thermal damage will be needed to address this
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problem in more detail.

3 .4

M o d e l l in g

o f s u r v iv a l r a t e s

It has been described how the dénaturation o f proteins and the inactivation of
enzymes follow a (pseudo) first-order rate process behaviour. The survival rates of
complex biological systems, such as cells, bacteria or viruses, follow in many cases a
similar behaviour. In fact, the survival curves for most bacteria or viruses were found
to show an exponential decay to a high order of accuracy*^^’^*^’^*^. In the search for a
possible mechanism (or a combination of possible mechanisms) leading to cell death,
Wood^^^ suggested a simple statistical description for survival curves of a complex
biological structure comprising numbers of a single structural component which is
susceptible to thermal damage. A brief presentation o f his statistical model is followed
by a description of a MC model of cell survival. This model is then extended to simulate
the survival of a biological system constructed of a variety of structural and functional
components which are affected by heat differently. The single components in this model
can vary in their sensitivity to thermal damage. The results of this model are compared
to those obtained by Wood, and possible damage mechanisms likely to be involved in
the fatal thermal damage to tissue are discussed.

3.4.1

Statistical Model

The simple statistical model suggested by Wood^*^ assumes a hypothetical
biological system consisting of n identical elements. Further, it is assumed that if m of
these elements are thermally damaged, the system irreversibly discontinues to operate
in its normal way and is regarded as physiologically dead. Each o f the elements survives
independently, i.e. there is no interaction between the elements. When the system is
subject to the action of heat, the probability p o f any element being damaged can be
expressed as a function of time t. Exposure of the system to heat starts at time f=0. The
chance of the same element not being damaged at time t is q=l~p. The probability
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for the condition that r of the total n units are damaged can be calculated from:
P = ___ p
'
r\{n - r ) \

(3-18)

The probability of survival of the total system can easily be determined from the sum
of all f / s where r is restricted to be smaller than m (if r equals m the system is
assumed to be irreversibly damaged):
/W
—
1

ffl—
1

Now, the first-order rate process behaviour of the dénaturation of proteins and enzymes
is introduced by assuming that the elements of the system would behave accordingly.
Since it was assumed that all elements are identical, it is evident that the rate constant
k o f the dénaturation is the same for all:
q - \ - p =

(3-20)

Using this in Equation (3-19) results in:
ffi-i
ri
___ - ___ (I - e
= y
^
rl(n - r)\
,

s

(3-21)

Equation (3-21) was used to calculate the data shown in Figure 3.29 and Figure 3.30.
Wood studied the survival rates for various combinations of n and m (some examples
used by Wood are also shown in Figure 3.29 and Figure 3.30) and found that the
experimentally observed exponential decay with time can only be predicted by this
theory if it is assumed that damage of any single unit of the system is sufficient to lead
to the death of the whole system. This is only true for those survival curves which
behave as
^nl ~ ^ -/«Ax

(3-22)

For all other combinations of n and m an exponential decay with time can not be shown.
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Figure 3.29: Survival rates for various combinations of n and m (first number
denotes n, second number m).
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Figure 3.30: Survival rates for a second set o f combinations of n and m.
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3.4.2

Stochastic Model

The statistical model is not capable of dealing with a more complex arrangement
of systems and their elements easily. For example, it may be of interest to theoretically
analyze a system comprising elements with different time constants k, or a population
o f systems which may cease functioning at individual levels m of damage to their
elements. To study a few of these different arrangements, a stochastic model, with its
kernel comparable to the stochastic model of photon survival (see Chapter 4), was
developed.
As described for the statistical model above, the probability

o f a single

element n still being alive after time t is assumed to follow the exponential law of a rate
reaction(see Equation (3-20)). The different elements comprising the system may have
a different structure and different physical properties. As a result, the time constant
may be different as well. This leads to a modified individual probability of survival for
each element:
q jit) = e

Values for q^ range from 0 to 1.

(3-23)

= 1 means the element is still fully functional.

Equally, q^ = 0 expresses the fact that the element has surely been destroyed. When
Equation (3-23) is solved for time t, q„(t) may substituted by a random number
equally distributed in the interval (0,1). A random time f^(^) can then be calculated
r ©

= -

(3-24)

(a detailed derivation of Equations of this type is given in Section 4.2). The calculation
for this random time is carried out for all n elements and for a given distribution of time
constants k^. This results in a set

= (fy, fg, — , ^n) of times at which each of the n

elements lost its function. If, again, the destruction o f m elements is required to lead to
the death of the system, the time
sorting the set

required for the destruction is then evaluated by

in ascending order and finding a time

o f the set T„ for which

^1» ^2’ **' ’ ^m-l — m — ^m+1’ ^m+2’ *” » K
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START
select number of components comprising one system: n
select number of systems to simulate: o
initialize arrays:
time of single events: TOSE=10^^
histogram array: HIST=0
LOOP: i = \

o

select m
select k
LOOP: ; = 1 .. /I
random time of event: t=-\n{N^)lk
put % into TOSE[j]
sort TOSE in ascending order
time of destruction of system=TOSE[m]
increase appropriate bin in HIST by 1
save HIST in file
END

Figure 3.31: Flow chart of MC program to model the survival rate of complex
biological systems.
is valid. Then

is equivalent to the time

at which the system dies. The realisation of

this model in the form of a computer program is explained schematically in Figure 3.31.
The results from this simple stochastic model were compared to the results given
by the statistical model described in Section 3.4.1. Figure 3.29 and Figure 3.30 show an
excellent agreement for various combinations of n and m between the two models. For
this comparison the time constant of inactivation of each element has been chosen the
same for all elements.
With the stochastic model, parameters which had to be assumed constant within
the statistical model may now be varied. Also, based on this simple model, more
complex arrangements of systems may be simulated. Only two parameters will be varied
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here to evaluate the effect on the survival rates. First, a system is simulated consisting
of different types of elements, each of which has a different time constant k. Then, the
survival rates of a population of systems are modelled, each of which requires a
different number m of elements to be damaged to cause failure.

Variation in k. Figure 3.32 shows the results of fractional survival of a
population of systems for which n=50 and m=20 when the individual system is
comprised of elements with one, two, and three different rate constants (the
concentrations of the different elements in the system are the same). It is obvious that
by using more than one element, the fractional survival curve is divided into two or
more parts, each of which represents the contribution made by the time constant of
decay for the different elements. The difference in the time constants here is deliberately
large to show this effect clearly. The fourth curve originates from a population of
systems whose elements have a randomly selected time constant k from the interval
(0,10] s'\ A fast decrease in fractional survival, similar to an exponential decay, is
observed for this arrangement of parameters.

Variation in m, A possible source of exponential survival curves in complex
systems was mentioned by Rosenberg'®^. If the number of elements m which is required
to lead to the death of the system varies within the population of systems, an
exponential behaviour may be obtained. This hypothesis was tested using the stochastic
model. Figure 3.33 shows the survival curves for a population of systems with different
numbers of elements n where, for each system, m is chosen randomly from the interval
[1,2/2/5]. The time constant k is constant and in all cases equal to 1 s'\ In all cases, the
fractional survival reveals an exponential decay. It can be shown that the exponential
decay follows an effective reaction rate k^^nk.
These two examples show clearly that the stochastic model is capable of
simulating more complex situations than the statistical model. Furthermore, it is possible
to obtain exponential survival rates for a complex system when the parameter m is
varied.
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3.4.3

Discussion of survival rate models

It was mentioned in Section 3.4.1 that within the statistical description of survival
rates by Wood, exponential decay of complex systems may only be possible if it is
assumed that the damage of a single element (or molecule in the case of a cell) is
sufficient to cause the failure of the whole system. This lead Wood to the conclusion
that nuclear damage is the predominant cause of cell death, since the

dna

is the only

single molecule within a cell which is of sufficiently great importance to lead to the
death of the cell when damaged. His hypothesis was confirmed by the experimental
observation of the survival of yeast cells with two nuclei (diploid yeast) after x-ray
inactivation. In this case, the survival curves are identical with the survival curve for a
^2 , 2 system (a system consisting of 2 identical elements for which death follows after
both elements are damaged) which shows an obvious deviation from a first-order rate
process (see Figure 3.29). Studies on similarly complex systems, such as viruses and
certain bacteria (eg. B. typhosus), also indicate an underlying first-order rate process
which suggests the conclusion that a single molecule within these complex biological
systems is responsible for the cell death. Since proteins, enzymes and cellular lipids
which can all lead to cell death when damaged, are present in large numbers in these
cells, the statistical model indicates that the origin of the described process may only be
found in the damage to the genetic mechanism.
In contrast, experimental evidence indicates that nuclear damage is not always
the single source of damage. From this model, thermal damage to haploid yeast, for
example, should behave according to a first-order rate process {S(n,l)). The reason that
experiments have shown the contrary may be found in a second damage mechanism
such as cytoplasmic damage in the yeast cells. This may contribute to the death of the
cell. The transmission electron microscopy studies presented in Section 3.2.2 have also
revealed damage to cellular components such as mitochondria at an early stage of
thermal insult. However, if mechanisms other than nuclear damage contribute to thermal
cell death in tissues, a survival rate different from a first order rate reaction is the
consequence. On the other hand, there is considerable experimental evidence to show
that the survival rate of cells in tissue behaves in precisely in this way. Conditions under
which a population of cells would show an exponential survival rate have been identified
in this section. The existence of a statistical variation of the reaction rate k for each
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individual element of the system revealed a closer match to experimental results. A
perfect exponential decay was found for the condition that a distribution of the damage
levels m exist in a population of cells. It was shown that the effective reaction rate of
such a population is proportional to n. Although the exponential survival rates look very
convincing at first, this fact does not necessarily indicate that this mechanism reflects
the natural process. The increase of k with the number of elements comprising the
system would lead to extremely vulnerable and rapidly depleted populations. That is not
what nature would choose to select in the process o f evolution. In fact the compensation
law in Figure 3.5 shows that nature has kept the effective reaction rate constant in
generating higher organisms when compared to the reaction rates of various proteins.
How complicated the processes involved in thermal damage to a mammalian cell
are can be demonstrated with the results from research into the phenomenon o f thermo
tolerance. There is experimental evidence to suggest that mammalian cells develop a
higher ability to withstand thermal stress once they have experienced a period of nonlethal elevated temperature^^^"^^"*. This ability is not inheritable and fades with time.
The reason for this is the existence of a whole family of stress-induced proteins^^^
which may play a key role in restoring cellular function after a thermal impact. Different
types of stress proteins have been identified in the cytoplasm, nucleus, endoplasmic
reticulum, and in mitochondria, all of which are involved in the folding and unfolding
of target proteins in their different localities within a normal cell. Thermal stress induces
an increase in concentration of stress proteins within the cell which are then able to
protect and maintain cellular activities at a higher ambient temperature.

3 .5

C h apter

su m m a r y

This chapter has approached the processes involved in thermal damage to tissue
from four different directions. On a molecular level, processes affecting the structure of
proteins have been reviewed. TEM was employed to analyze structural changes in cellular
components with thermal damage. The kinetic properties of thermal dénaturation, seen
as a chemical reaction, have been investigated in an experimental study for which a
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dedicated experimental technique was developed. A simple stochastic model was
developed to investigate the likely source of failure of a complex biological system such
as a population of cells when parts of the system are damaged.
The TEM studies have demonstrated the extent of thermal damage in laser
irradiated tissue. Cellular components appeared to be totally destroyed with only a few
o f their distinct structures remaining amongst their ruins. Instead, a large number of
aggregates of denatured globular proteins was identified. These particles of coagulated
proteins had a diameter of about 100 nm and were not present in the normal tissue.
Other prominent results of the TEM were the accumulation of chromatin at the boundary
of the nucleus and the destruction of cellular, nuclear and other membranes in the
thermally damaged tissue.
The use of a first order rate reaction to describe the experimentally observed
changes in scattering coefficient with time lead to a series of theoretical investigations
into the conditions under which such a behaviour can be expected from a complex
biological system. These investigations suggest that the most likely origin of irreversible
damage to a cell is the result of damage to the genetic mechanism. An interesting
experimental project which might provide an answer as to whether this explanation is
correct would be the observation of survival rates of normal bacteria into which a
nucleus from heat resistant bacteria has been transplanted. These cells should be able
to resist the thermal insult for longer than their unaltered counterparts. Nevertheless, it
is likely that thermal damage to cells may be a more complicated process, and there may
be other mechanisms involved besides nuclear damage.
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Chapter 4

M

onte

C arlo

m o d e l o f l ig h t t r a n s p o r t in

TISSUES

"We want now to point out that modern computing machines are extremely well
suited to perform the procedures described. In practice, the set of values of
parameters characterizing a particle is represented, for example, by a set of
numbers punched on a card. We have at the outset a large number of particles
(or cards) with parameters reflecting given initial distributions. The step in
time consists in the production of a new such set of card^‘^. "
N. M etropolis

and

S. U l a m , 1949

Monte Carlo methods have been applied to a variety o f physical problems. The
oldest example using the underlying principle of random sampling is known as
"Buffon’s needle problem" stated in the eighteenth century^^^. It seeks the probability
P that a thin needle of length d, randomly thrown onto an arrangement o f equally spaced
parallel lines, separated by distance Di>d, will cross a line. The solution to the problem
is an expression involving 7C, f=2d/7tD,. This expression may be used to calculate 7Cby
throwing the needle N times and recording the number of times n that the needle comes
to rest crossing a line. For large N, a good approximation of 7i can be obtained. The MC
principle may be described in general as such: any application of the MC method is
based on a stochastic model in which the expected value of one or more random
variables is identical to the value of the physical quantities searched for. An
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approximation to the expected value is then obtained from the average o f the random
variable over a large number of independent samples. The calculation of the independent
samples is established from the probability distribution of the variable. It is obvious
from this statement that the accuracy of the probability distributions defines the
precision to which the expected value can be calculated.
Since proposed by Metropolis and Ulam^*^, this technique of physical and
mathematical modelling has become an important tool in particle physics^^**^^^’^^®,
n u c le a r

p h y sic s^ ^ \

r a d ia tio n

physics^^^’^^^*^^'^’^^^’^^^,

astronomy^^^,

atmospheric optics^^, and optics of scattering media“ ’’^^ in general^. It is mostly
applied to complex systems for which an analytical solution is difficult or impossible
to obtain and whose microscopic properties are well known. Its increasing usefulness
relies not least on the significant progress which has been made in the design of
computing machines. Using "state of the art" desktop machines, physically meaningful
results of light distributions can now be obtained using only hours of computing time.
Following a brief review in Section 4.1 of MC methods in tissue optics, Section
4.2 presents and discusses probability distributions needed for the simulation of photon
transport in tissue. The computing principle is described in detail in Section 4.3. Section
4.4 presents some of the physical quantities obtainable from the MC model whereas
Section 4.5 discusses inherent systematic and statistical errors in the results and deals
with the verification of the model by comparing MC results with results from analytical
solutions. Section 4.6 presents representative examples of light distributions obtained
from the MC model and discusses their dependence on the probability distributions.

^

Surely, Metropolis and Ulam could not possibly have imagined that the Monte
Carlo method proposed by them back in 1949 would become a very efficient tool
in numerical modelling within just forty years of their statement.
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4 .1

E v o l u t io n

a n d a p p l ic a t io n s o f

M onte Carlo

m ethods

IN TISSUE OPTICS

The first report on the application of MC methods to model light distributions in
biological tissue was given by Wilson and Adam^^\ They adopted this technique from
studies on the propagation of x-rays in tissues and analyzed the illumination of the tissue
both by external laser beams and interstitially placed optical fibres. Since then, various
MC algorithms have been developed by different groups and the MC method has been

applied to a large number of problems in tissue optics. A general description of the
principles of MC as applied to light propagation in tissue can be found in Prahl et al.^^^
Maarek et al. modelled the transmission and reflectance of blood in a slab geometry^^^
and were the first to investigate the possibility of imaging through tissue by means of
MC simulations^^. Spatial point spread functions of light in tissue were calculated by

van der Zee et

using both an analytical and measured SPF. The application

of MC simulations to laser Doppler blood-flow measurements was shown by Stem^^^,
Jentink et al.^^®, and, in comparison with analytical solutions to the diffusion equation,
by Bonner et al.^^’ A MC simulation has been used by Flock et al.^'*®’^^ to calculate
both radiant energy fluence rates in tissue and diffuse reflectance from tissue. Their
results were compared to the results obtained from two analytical models and to results
of measurements in phantoms having optical properties similar to those of tissue. An
interesting approach has been the combination of a MC model to accurately calculate
light distributions close to, and a diffusion approximation to efficiently model light
distributions far away from, sources and boundaries'^. Recently, this approach
attracted new interest again and was further developed by Wang et al.^"*^ Keijzer et al.
calculated light distributions in arterial tissue by means of MC^'*^. In this case, a
convolution technique was applied to the result from the MC model of an infmitesimally
small collimated light source to obtain light distributions for finite laser beam diameters.
Later, the same model was applied to the calculation of heating rates within a blood
vesseP for the analysis of port wine stain therapy.
Recently, the use of near infrared light as an imaging modality has generated
much interest in the study of photon transport over long distances in tissues. The results
of a considerable number of MC studies have been reported from such investigations.
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The approaches taken may be classified into the MC modelling of temporal and spatial
point spread functions to enhance image contrast^^’^®’^"^^ and the MC simulation
of temporal point spread functions of the diffuse propagation of light^*’^^. The latter
method has also been employed to investigate the effective optical pathlength in tissue
in order to correct for spectral distortions due to multiple scattering^°-^\ MC data
has often been used for comparison with diffusion models as, for example, by
Star et al/°^ Groenhuis et al. used a MC technique to calculate the diffuse radiance of
light emerging from the tissue as a function of radial distance from the light source^^.
The results have been compared with those obtained from diffusion theory and, in
principle, showed reasonable agreement^^.
A most important and recent MC application has been the determination of optical
coefficients of scattering media. There is no restriction to the geometry MC can be
applied to. Hence, an experimental airangement to measure optical properties (such as
a pair of integrating spheres, see Section 5.2.1) may be closely matched by the
simulation geometry, and the inversion method based on this principle may possess
improved accuracy. This has been demonstrated by van der Z ee^ on fetal brain and
Peters et al.^^ and Key et al.^^ on human breast tissue.
The increasing interest and widening field of applications have triggered recent
investigations into the accuracy of the MC method and possible improvements thereof.
The kernel of the MC principle was closely analyzed by Wyman et al.^^’“ * by
evaluation of similarity relations and angular sampling methods. Most recently, Gardner
and Welch^^ have suggested improvements in the use of spatial grids for
accumulation of photon histories within the tissue, in particular when convolution
techniques are used. The development of MC techniques for light propagation in tissues
has now reached a stage where attempts are being made to compare and bring together
the expertise accumulated in various computer program codes for evaluation and the
development of a reference code^^.
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4 .2

P r o b a b i l i t y d i s t r i b u t i o n s f o r l i g h t t r a n s p o r t in t i s s u e

The MC method, as described above in the example of Buffon’s needle problem,
relies on the random sampling of variables from given probability distributions. There
are a number of textbooks^^*’^^*^^’^^ available, offering a general introduction to MC
techniques for particle transport. In general, the applied principle can be mathematically
stated as follows. Consider the given probability distribution P(%) of a physical quantity
X which is normalized over the interval {a,b)

] P(X)dX = 1

(4-1)

To simulate the physical behaviour of the interaction, a value for % has to be chosen
repeatedly and randomly. This is done based on a set of equally distributed random
numbers Ç in the interval (0,1). A mathematical algorithm is often used to generate
deterministically "random" numbers. The term "pseudo-random" number is used for
numbers produced in such a way. It was pointed out^*^, that an important shortcoming
of a series of random numbers from a mathematical algorithm is the fact that the
sequence may begin to repeat itself after a certain number of pseudo-random numbers
have been generated. However, this periodic behaviour is of no practical importance if
the sequence is large enough for the requirements of the application. The cumulative
distribution of a set of random numbers is simply

F,

r 0 IS<0
^ I0< S < 1
I

(4-2)

1 IS>1

It is now assumed that there exists a steadily increasing function %=f(fy which maps
Ç G (0,1) to X G (a,b). This requires the probability distributions P(x) and f(^ ) to be
equal:

P(a<x<x!) = F(0<^<^')

(4-3)

for which use was made of the expression ^(^’)=%’• Hence, the cumulative probability
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distributions for

and

are also equal
f*Oc') = F f i ' )

(4-4)

and Equation (4-1) can be restated as

Since a pseudo random generator delivers random numbers equally distributed in the
interval (0,1),

on theright-hand side of Equation (4-5) can bereplaced by (1-^*)

when required. This relationship is useful in some cases, as when

theintegral on the

left-hand side of Equation (4-5) is carried out analytically. The remaining problem of
the sampling process for light scattering is the definition of the single probability
functions P„(xJ for the various random variables Xn involved in the transport step. Then,
the integral in Equation (4-5) can be carried out for each variable and a random value
calculated from a set of pseudo-random numbers.
The MC model of light scattering relies on the assumption that tissue scatter
originates from random fluctuations in the local refractive index (see Section 1.2.3) and
that interference effects can be ignored. The light is treated as a beam comprised of non
interacting particles. Hence, the photon transport can be treated as a probabilistic
interaction. The tissue is stochastically identified by probability density functions given
by the optical properties. These are the functions L{r) for the attenuation of light
L{r) -

(4-6)

and G((p) and //('d)for the angular distribution of scatter
G((p) = —
^
2jt

(4-7)

H(-d) = f{-d)

(4-8)

in which (p is the azimuthal angle and

the deflection angle in the horizontal plane

between the incident direction §* of the photon and the scattered direction f. This
description was used earlier in the definition of the SPF (see Section 1.2.1). / ( û ) was
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previously defined in Equation (1-4). It is clear from Equation (4-7) that, in general,
azimuthal symmetry of the single scattering event is assumed. As was shown above,
integration of L(r), G((p), and //(d ) is required to calculate from a random number the
probabilistic parameters r, (p, and d. Examples of resulting cumulative probability
distributions are shown in Figure 4.1. A total interaction coefficient of p.,= 10 mm^ was
chosen in Figure 4.1(a). In Figure 4.1(b), //(d ) is represented by a Henyey-Greenstein
SPF^
H W = _______ L_£!_______
2(1 +g^-2gcos(d))^^

(4-9)

with an average cosine g =0.9 to calculate the cumulative probability distribution for the
scattering angle. Since probability of scatter around the azimuthal angle is assumed
equally distributed, the cumulative probability distribution for (p is linearly increasing
with angle as demonstrated in Figure 4.1(c). The method of random sampling from these
normalized distributions is obvious. For example, consider a random number Ç’g (0,1)
to be used in the calculation of a random scattering length r \ A value r’ is sought for
which ^’=L(r’). Graphically, this amounts to finding

on the ordinate of Figure 4.1(a)

and reading the corresponding r’ off the abscissae. In this case, the process is realised
analytically by integrating over L(r) in Equation (4-6) and finding an expression for r’
as a function of

as stated in Equation (4-5). Such an expression may be obtained for

the interaction length if

is replaced by (1-Ç’)
r' =

(4-10)
K

This equation is used identically in the MC program to generate the random interaction
length r’. The calculation of the natural logarithm consumes considerable computation
time. However, there is a faster realisation of this simulation step when a set of
exponentially

distributed random

numbers^^*^^ is

used in

Equation (4-6)

to

calculate r \
The cumulative probability function of the scattering angle (Figure 4.1(b)) is used
to find an angle

for which
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Figure 4.1: Cumulative probability functions for (a) L(r) (p,=10
and (c) G((p).
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(b) //(i^) (g=0.9),

V

R = JiF/(i»)sin(i})(id

(4

Graphically, this amounts to the same procedure as described for the search for r’ from
Physically, the determination of û' often involves a search in a look-up table because
the integral in Equation (4-11) cannot be carried out analytically, or //(û ) is obtained
from experiment. A fast binary search is employed in the MC program. The calculation
of the angle (p’ is trivial and the computation involves a simple multiplication of a
random number

4 .3

by the factor 2n.

C o m p u t a t io n

procedure

A MC simulation of light transport in tissue follows the path o f a photon being
multiply scattered, and has similarities to a random walk in space. A typical example
of such a random walk is shown in Figure 4.2 where the path of the photon can be
followed for the first 15 of 73 interactions in a pseudo 3D graph^ (For ease of viewing,
the scattering locations of the remaining interactions were not connected by lines). The
photon bundle enters the tissue from the top and then disappears into the background,
away from the observer. The dimensions of the cube are (x=0.9 mm, y =1.4 mm,
2

=0

. 8

mm. The z axis points vertically from top to bottom and the y axis points into the

depth of the graph). Isotropic scattering has been chosen to demonstrate the effect of a
randomly changing direction more clearly. The random length between two interactions

^

It is possible to view this graph without the use of a stereoscopic viewer,
although it may take some time to adjust the eyes. Pass the image slowly from
the peripheral view to in front o f the eyes while looking straight ahead and
unfocusing the eyes slightly. The two graphs should then merge into one image
with the impression of depth. Short sighted persons may find it easier to view
the graph without glasses. It may also help to put a piece of cardboard between
the graphs, so that each eye can only see one graph.
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m

Figure 4.2: Pseudo 3D image of a photon path in tissue with g=0.0 (see footnote
on previous page for viewing technique).
can be seen clearly. The effect of absorption of a photon^ as realized in the MC model
cannot be demonstrated in Figure 4.2 but it will become clear during the discussion of
the simulation steps how this is being incorporated in the random walk (see step 4 in
Section 4.3.2).

4.3.1

Model geometry and coordinate system

The geometry of the model is shown in Figure 4.3. In the special case displayed,
a laser beam of radius r, hits the tissue surface orthogonally. The tissue has infinite
extensions in depth and width. The origin of the tissue base coordinate system is at the
tissue surface and at the centre of the light source, the x and y axes are in the plane of
the tissue surface, and the positive z axis is pointing into the tissue. There may be a
change in refractive index at z=0. Despite the fact that the random-walk of the photons
in the tissue is taking place in three dimensions, the axial symmetry of the arrangement
allows for a two-dimensional array A within the tissue to be used to accumulate the
deposited weight of photons due to absorption in the volume of concentric rings. This

The use of the word "photon" in the context of the MC model is different from
the physical meaning as light quantum. As a means o f variance reduction, the
model handles photons as weighted particles which may be absorbed
continuously along their path rather than as quanta which are either absorbed or
scattered. Both methods yield the same result but the former is considerably
more efficient.
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laser beam

tissue

Figure 4.3: Geometry of the simulation with the origin of the tissue base
coordinate system (jc, y, z) at the centre of the laser beam on the tissue surface and
the sampling array inside the tissue.

detector arrangement is of finite size extending from the central axis to radius
depth

with

volume of the

rings in the radial direction and

and to

in the axial direction. The detector

ring in the radial direction is
A)2 ) ^

(4-12)

which is used to correct the sampled photon weights taking into account the different
volume of the detector rings. The careful selection o f the ratios Ar=r^//?^ and Az=z^/Z^
is crucial to the quality of the results obtained from the model. Ratios which are too
small lead to poor statistical results since only a few scattering events are accumulated
in the small detector volume. Furthermore, the selection of too small ratios does not
physically make sense since the distribution of the optical properties of tissue are not
known on such a microscopic scale^^. If the ratios chosen are too large, photons are
accumulated within a large detector volume and the result, although bearing good
statistics, is the average over a large volume for which it may be difficult to assign a
location in the tissue. The selection of suitable Ar and Az is also problem-dependent (Ar
may be very large if, for example, the problem is one dimensional and only the light
distribution along the z axis is of interest). The assignment of optimal locations to
elements of the array A is discussed later in Section 4.5.
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In addition to the two-dimensional detector array present in the tissue, a one
dimensional detector array A ’ is used on the tissue surface to accumulate photon weights
emerging from the tissue (this array is not shown in Figure 4.3). The array consists of
concentric rings, centred around the origin of the tissue base coordinate system, with
the same resolution Ar as specified for the two-dimensional array.

4.3.2

Basic simulation steps

The random numbers used in some of the following computation steps are
generated by a pseudo-random number algorithm provided by the computer mainframe.
The extensive testing and characterization of the quality of the set of random numbers
delivered by this particular generator, which involved the examination of periodicity,
was part of a separate research w ork^ and is not elaborated on here.

Step 1: Generation of a Photon. A photon is launched at a specified point
^=(^oJo»^o) at an angle (0 q, <E>o) with respect to the tissue base coordinate system,
reflecting the geometry of the illumination to be modelled. The definition of the angles
0

and 0 and the two coordinate systems used, namely the tissue base coordinate system

X

(— n — Y

!

--- ;i)

Figure 4.4: Tissue base coordinate system (jc,y,z) and photon coordinate system
(jc’,y’,z') with z-axis pointing in direction of previous direction vector.
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and the photon coordinate system, can be found in Figure 4.4. The illumination may be
chosen to be inside the tissue (z> 0 , to resemble an interstitial illumination) or at the
boundary between air and tissue (z=0) to start the random walk through the tissue. In
the latter case, both the starting point and the incident angle of the photon can be chosen
to represent the parameters such as beam diameter, beam profile and divergence of an
incident laser beam. The intensity profile o f a laser beam may be accounted for by
scanning the cross sectional area of the beam and launching from each position a
number of photons corresponding to the intensity of the beam at that position.
On entering the tissue, the photon may undergo refraction due to an existing
refractive index change from the external medium (n j to tissue (n,). The reflected and
refracted portions are determined by applying Fresnel’s formulas^^, and the refractive
angle is calculated using Snell’s law. For the calculations presented in this work, a
normally incident beam was always used so that ©o=d>o=0. For a normally incident
beam and a relative refractive index o f tissue o f n,= \A , the specular reflected portion
in going from air to tissue only amounts to about 2.8 percent. This value may be
considerably higher in the case of a rough surface. Once the photon has crossed the
boundary the central simulation steps can be initialized.

Step 2: Calculation of new position. The interaction length of the photon is
given by the sampling of the probability distribution of the free path which depends on
|i^. The calculation of a random interaction length has been demonstrated in
Equation (4-10). In the case of a tissue comprising areas of different

Equation (4-10)

has to be modified and a combined cumulative probability distribution has to be applied.
This slight complication is explained in detail in Section 4.3.3. Using the propagation
direction of the photon relative to the tissue coordinates

0

, d> and the random interaction

length r’ the new position (x’,y’,z’) of the photon is:
f \
X

y'

=

y

\

r

+

r'

sin 0

cosd>

• sin 0

sinO

^ COS0

k j

(4-13)
^

with (x,y,z) being the previous position of the photon. Before the next scattering event
can be calculated from this position, the model has then to examine whether the
coordinates of the photon are still within the boundaries of the tissue.
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Step 3; Check location. During the course of the path through the tissue, it is
possible that the new location of the photon is found to be outside the tissue (z* <0). In
this case, a correction for the internal reflection caused by the change in refractive index
at the boundary between tissue and air has to be taken into account. The portion of
photon weight which is reflected and refracted is again determined by applying FresneTs
reflection laws. If 0 is larger than the angle of total internal reflection, the photon is
totally reflected back into the tissue where its new position is now (x’,y’,-z’). To speed
the computation, calculation of the reflected portion is done in the form o f a search in
a look-up table, created within the program and kept in memory for as long as the
program runs. The fraction of the photon weight leaving the tissue is accumulated in the
appropriate place in array A' according to the exit radius. In the case o f the tissue being
comprised of areas of different p„ the determination of the location of the photon is also
important to obtain the local interaction coefficient (see Section 4.3.3).

Step 4: Absorption of photons Rather than treating photons as quanta which can
either be absorbed or scattered where in the first case the photon would be lost for
further calculations, a weighting scheme is being used as a means of variance reduction
to make the simulation more efficient. The initial weight

of the photon packet

entering the tissue is thereby first reduced by the appropriate percentage due to specular
reflection. Within the model it is assumed that absorption takes place at the locations
of the scattering events and that the photon leaves behind an amount o f its weight W^,
proportional to

which is accumulated in positions within the array A according to

the location r and z of the photon (Figure 4.3). The new weight of the photon W'p after
the interaction event is

w'

=

The photon path is terminated once

W •(! - f : ) = W ■—

(4-14)

falls below a specified limit. The photon is then

regarded as being too weak to have significant further influence on the results. Instead
of terminating its random walk rigorously, a roulette is carried out, in which every tenth
(randomly selected) photon survives and its weight is increased tenfold. This principle
ensures that the overall photon weight deposited in the tissue equals the incident weight
to guarantee the conservation of energy, but at the same time inefficient photon paths
are no longer traced. A discussion of the choice o f optimal termination weights can be
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START
select initial parameters: optical coefficients, refractive index, total number of photons n,
geometry of illumination, geometry of detector arrays
initialize scoring arrays: A, A ’
initialize photon parameters: Xq, y^, Zo, 0 q, Oq,
LOOP: i = \ ..n
refraction and reflection correction
Interaction LOOP: generate random interaction length
move photon to new position j c ', y', z'
photon outside tissue?
NO

YES
reflection correction
score reflection array A ’
photon crossed boundary?

NO

YES
interaction length correction

new, corrected photon position
score absorption array A with W^J\\^
Wp < minimum weight?
NO

YES
survive roulette?
YES

w- loiy.

NO
Break Interaction LOOP

new direction
END

Figure 4.5: Flow chart of the computation steps within the MC simulation of light
transport.
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found in Lux“ °.
Step 5: New direction. The second random calculation step within the simulation
loop is the generation of a new direction into which the photon is scattered from its
current location. Using the cumulative probability for the SPF, a random number is
converted into a corresponding deflection angle fr (Figure 4.4) relative to its current
direction 0 , 0 . This conversion is carried out by a search in a look-up table which
contains the cumulative probability of the SPF. Comparison of the random number
with the contents of the look-up table o f the SPF yields the required deflection angle. As
was shown in Section 4.2, the azimuthal scattering angle has a constant probability
density function which amounts to a linearly increasing cumulative probability function,
so that the conversion of a random number

into the azimuthal angle

9

is simply

9 = 2tcÇ.

Step 6 : Update direction relative to tissue coordinate system. The last step in
the program loop is to calculate and update the absolute direction s in which the photon
is travelling after the scattering event. This is done using a coordinate transformation of
the direction fr,

in the photon system into the absolute direction

9

0

, O in the tissue

base system:

s

=

r
\
sinfr cos 9

cosO

COS0

-sind> sin 0 cosO

sinO

CO S0

cosd>

s in 0 sin<b

sinfr sin 9

0

COS0

cosfr

^

-s in 0

(4-15)

Now, the position and direction of the photon is fully updated and the next scattering
event can commence by repeating the steps 2 to 6 . A new photon is launched and its
history is followed by repeating steps

1

to

6

until the required total number of photons

is attained. A summary of the procedure is shown in the form of a flow chart in
Figure 4.5.

4.3.3

Extension of the model geometry

The model geometry was extended to allow the embedding of a spherical object
into the infinite half space of the bulk tissue. The optical properties of the sphere (SPF,
Pa and |i,) may be chosen to be different to the surrounding tissue. Both the location of
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1
i?A

^

Figure 4.6: Extension of the model geometry as shown in Figure 4.3. A sphere
at S with radius r, and different |i, compared to the bulk tissue intersects the tissue.

the centre and the radius of the sphere can be chosen arbitrarily with respect to the
origin of the coordinate system. However, when use is made of a cylindrical symmetry
in the acquisition of the results, the center of the sphere must be located at jc=y=0 .
Figure 4.6 shows an example of a typical geometry used in the simulations. The center
of the sphere is located above the tissue (z,< 0 ) and centred at the origin of the
coordinate system (x,=0, y^=0). In this case, the location and the radius were chosen
such that only a fraction of the sphere is located inside the tissue. This arrangement may
resemble closely an area of coagulation as it is generated by a surgical laser beam. The
optical coefficients of coagulated tissue are then allocated to the sphere, whereas the
optical coefficients of native tissue are assigned to the infinite half space of the model
(see Section 6.3).
The extension of the model geometry into two areas of different total interaction
coefficient requires a separate calculation of the interaction length. When the location
of the photon is examined (see step 3, Section 4.3.2) and it is found that the boundary
between two areas of different |i^ has been crossed on the path from the old location to
the new location, the transport step (step 2) demonstrated in Section 4.3.2 has to be
modified retrospectively. The principle of the correction is shown in Figure 4.7.
Figure 4.7(a) demonstrates the case of a photon crossing the boundary of a spherical
object with interaction coefficient

embedded in the surrounding tissue having
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interaction coefficient |i,2 - According to Equation (4-10) using

the scattering length

would be r' if there was no change in interaction coefficient along the photon path. A
correction for the scattering length along the path o f combined interaction coefficients
is possible when the combined probability distribution of the scattering length is
considered
(4-16)

L { r '> r l) -

This leads to a modified cumulative probability distribution which may be used to
calculate the corrected transport length rj’ in medium

2

:

(4-17)

A cumulative probability function for a combination of }i,i=5 mm * and |i,2

= 1 0

mm *

with the photon crossing the boundary at r /= 2 mm is shown in Figure 4.8. A similar
expression can be found for the second possibility of a photon passing through the
spherical object as shown in Figure 4.7(b):
(4-18)

r/ = r ' - r ! -

(a)

(b)

Figure 4.7: Photon path (a) intersecting with boundary of sphere and (b) crossing
part of the sphere.
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Figure 4.8: Comparison between a cumulative probability function of scattering
length with constant [L, and the case of a change in p, at a distance
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mm.

The calculation of the modified scattering length has to be added to the computing
step 2 as described in Section 4.3.2 if this geometry is to be used.

4 .4

P h y s ic a l

q u a n t it ie s o b t a in e d f r o m t h e m o d e l

The computer program generates two data arrays A and A’ containing spatial
information on the accumulated weight of the photons which were either absorbed
within the tissue or scattered back diffusely from the tissue (see Section 4.3.1). From
these arrays and the total number N of photons launched, physical quantities such as
total diffuse reflectance

radial distribution o f the diffuse reflectance

and

relative radiant energy fluence rate \j/(r,z)Ai^o inside the tissue may be derived. In each
case, the accumulated weights have to be adjusted for the individual area or volume of
the array element (see Equation (4-12)).
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4.4.1

Diffuse reflectance

The radial position r- of the element i of array A' may be calculated from (see
Section 4.5 for the accui’acy of this location)
r. = (i-J-)A r

(4-19)

2

The radial distribution of the diffuse reflectance at the position r, in comparison with the
incident irradiance can be calculated using the data of element i of array A' as
R ir) = Æ
‘
AaN

(4-20)

with Aa=27cr,Ar. This has the units of mm'^, and, with the scaling factor of the total
delivered energy (J) or the incident power (W), yields the radiant energy fluence and the
radiant energy fluence rate respectively. The total diffuse reflectance is simply

/? = V
"
M

(4-21)
N

which is dimensionless.

4.4.2

Relative radiant energy fluence rate

The same procedure is applied to normalize the accumulated data in the array A.
The radial location r, of element i is calculated according to Equation (4-19). Similarly,
the depth location Zj of element j is given by
Zj = ( j - —)Az

(4-22)

The spatial distribution of the relative radiant energy fluence rate may be calculated by
normalizing each element of A according to its volume AV, the total number o f photons
launched, and the local absorption coefficient:
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(4-23)

with AV=27cr,ArAz. With this knowledge of \j/(r,z), other physical quantities such as
absorbed dose or temperature may be derived when scaled to the incident irradiance Yo-

4 .5

V e r if ic a t io n

a n d l im it a t io n s

Due to the stochastic principle of the

MC

method, the numerical results acquired

from the model are inherently affected with a statistical error. To compare results from
the

MC

model described above with those derived from other methods, a large number

of photons has to be simulated. This is both to ensure a reliable mean value of the
physical quantity modelled and to get a representative set of results for a physical
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results of diffuse reflectance

(d=0.9, g=0.875).

results were generated and a gaussian function was fitted to the

distribution.
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quantity in order to calculate a standard error (i.e. the standard deviation o f the mean).
An example of the distribution of a physical parameter resulting from MC calculations
is shown in Figure 4.9. The number distribution o f a total of 1,000 separate MC
calculations (40,000 photons each) is plotted as a function of the physical parameter
under observation, in this case, the diffuse reflectance, and compared to a gaussian
distribution. The spread of results around a mean value is obvious. It is the purpose of
this section to present and discuss the agreement of MC results for some physical
quantities with other, independently obtained, results and to discuss possible sources of
deviations.

4.5.1

Diffuse reflectance

Comprehensive data on the diffuse reflection of light from scattering objects is
available, generated by analytical solutions to the radiative transfer equation
(Equation (1-11)). Mostly, the data is restricted to simple geometries such as an infinite
half space or an infinite slab with a plane electromagnetic wave incident and is also
restricted to matched refractive indices at the boundary. An excellent source of data is
van de Hulst^. Tabulated values of

of an infinite half space as a function of albedo,

<3, and g have been taken from this source and compared with MC data from simulations

using the same parameters, scaled to the dimensions of the MC geometry. There was no
refractive index mismatch at the surface of the scattering medium. A Henyey-Greenstein
SPF^ as in the case of van de Hulst was calculated from the g for each required
reflectance calculation and transferred to the MC program in the form of a look-up table.
The results of the MC calculations are compared to the literature data in Table 4(i). The
standard error A/?^ was calculated from several MC calculations (usually 10 at 40,000
photons each) with the same set of parameters. In most cases, the MC results agree with
the tabulated data by van der Hulst within the standard error. However, the MC
simulation seems to underestimate the analytically derived values by about 0.1%. An
underestimate of analytical results by MC simulations was also evident in reports from
others^^^’^ . The source of the deviation here was found in the calculation of the
deflection angle of scatter using discrete values from a look-up table leading to discrete
values of the scattering angle. The effect is particularly evident when a small g is used,
giving rise to greater relative errors at small angles. Although an improvement may be
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Table 4(i): Comparison of values of diffuse reflectance obtained from MC
calculations with reported values^ for various combinations of a and g.
g

a

R.
(van de Hulst)

R4
(Monte Carlo)

A/?,

0.000

0.80

0.28525

0.28490

0.00021

0.90

0.41495

0.41462

0.00046

0.95

0.53554

0.53525

0.00035

0.99

0.75272

0.75235

n.a.

0.80

0.22818

0.22809

0.00019

0.90

0.35548

0.35517

0.00057

0.95

0.48094

0.48007

0.00040

0.99

0.71829

0.71833

n.a.

0.80

0.16153

0.16123

0.00020

0.90

0.27778

0.27737

0.00052

0.95

0.40388

0.40335

0.00039

0.99

0.66461

0.66453

n.a.

0.80

0.08147

0.08102

0.00010

0.90

0.16552

0.16510

0.00037

0.95

0.27677

0.27685

0.00034

0.99

0.55917

0.55834

n.a.

0.80

0.03746

0.03729

0.00008

0.90

0.08655

0.08613

0.00028

0.95

0.16765

0.16723

0.00028

0.99

0.43968

0.43874

n.a.

0.250

0.500

0.750

0.875

possible by changing the calculation scheme of deflection angle from a given SPF, this
would be at the expense of a decrease in computing efficiency and a considerable
increase in computing time. Since the SPF of tissues cannot be measured to the required
accuracy with present experimental techniques (see Section 5.1), the effect of using
discrete values is not seen to be critical for the results generated by the model.
The diffuse reflectance as a function of radius was also investigated in
comparison with simple diffusion theory. Figure 4.10 shows the radial distribution of the
diffuse reflectance for ^,= 10 mm \ g=0.875 and various |i^. An exponential decay of
reflectance with radius is revealed at some distance from the source. The results from
the diffusion approximation were generated using a computer program^^ to solve
numerically the time dependent diffusion equadon** for the reflectance as a function of
radius. Integration over time yielded the required steady state reflectance. As expected,

154

0
o

1

•

V
T

o

2
îtiD
O

2.0 m m ^
1 .0 m m ^

—

0.5 m m ^
/*^= 0.1 mm

2
3

■4
5
6

7
0
T

[m m ]

Figure 4.10: Diffuse reflectance as a function of radius for four different albedos.
The MC data (symbols) is compared to results from diffusion theory (lines).

the agreement with the results from the diffusion model is worst close to the source (at
r=0) and for the smallest albedo. This is the result of errors in the diffusion
approximation, which breaks down in these cases. It demonstrates clearly the areas of
strength of MC calculations, where more accurate results can be obtained than from
diffusion models.

4.5.2

Relative radiant energy fluence rate

The distribution of the radiant energy fluence rate inside the tissue as calculated
by the MC model was compared to results obtained from an analytical solution’^ in the
geometry of an infinite half space. The comparison is shown in Figure 4.11 where the
V(z)Al^o is shown as a function of z. g was 0.(X) and a was 0.99 in both calculations. The
data of the analytical solution was digitized from a graph and rescaled for Figure 4.11.
The agreement of the MC results, for which 8 (X),(XX) photons were launched, with the
result from the analytical model is convincing beyond a depth of 150 p,m. Sources of
the small deviation of the MC from the theoretical result at smaller depths could not be
identified. Digitisation errors in the acquisition of the theoretical data from the published
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— B. R. Barkstrom , J. Glaciol. 63, 3 5 7 -3 6 8 (1972)
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Figure 4.11: Relative radiant energy fluence as a function of depth as calculated
by the MC model and compared to the results from an analytical solution^^.

graph^^ may account for part, but not all of the differences. A higher resolution in the
SPF did not improve the discrepancy as in the case of the diffuse reflectance. It is
considered that a possible source of error is the weighting scheme used in the model or
the scoring scheme for absorbed photon weight in the detector grid. There are a number
of alternative techniques to treat the absorption in a grid of volume elements which may
be used to elucidate this inconsistency. One possibility is to terminate a photon history
as soon as the photon experiences absorption and deposit its full weight in the element
where the termination takes place. Although this shortens the individual photon histories,
it requires many more photon histories to achieve the same number o f photon
absorptions per element further away from the source. The net result is less
computational efficiency. An alternative strategy is to base the absorbed dose within an
element on the track length of that photon in the considered element. Some MC studies
have used this method when the transmission through a thick tissue specimen was
modelled^®'^®’^*^®. The physical basis of this strategy is the Lambert-Bouguer law of
absorption, the scattering event being considered to be elastic. This may be the most
accurate way of scoring the absorbed dose per element and therefore may require less
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photon histories. It does however require the determination of the intercepts of the
photon track with the element boundaries concerned. The resultant computing overhead
does not lead to a program execution time shorter than that o f the scheme chosen. A
compromise to the latter approach was presented by Gardner et al.^’, who used a source
function along the z axis at r =

0

according to the exponential decay of collimated

intensity. Further investigations and comparison of the strategy used in this work with
the other possible strategies is required to clarify this point.

4.5.3

Limitations and systematic errors

Absorption coefficient. When a geometry is used with areas o f different |i„ a
systematic error at the boundary is made in the calculation o f Y(4 ,4 )A)/o where

and

Zy are the coordinates of those elements of the array A containing part of the boundary
of the embedded object. The error is due to the fact that the boundaries of the embedded
object in the geometry described in Section 4.3.3 are treated exactly, but the scoring in
the elements of array A takes place in a finite volume. Therefore, the absorption of the
photon weight for a single photon is according to the local |i„ but, in a volume element
crossing the boundary, absorption events scored with two different absorption
coefficients are accumulated. An exact deconvolution is impossible since the photon
distribution in the element would be required for that. However, this error may be
minimized by assuming linearity and taking the average of the two absorption
coefficients weighted according to the relative volume of each segment instead of the
absorption coefficient of either of the two segment in Equation (4-23). In practice, the
change in absorption coefficient between the two media is often relatively small, such
that there is little need to carry out this correction.
Location of elements. In Equation (4-19) the radial location o f the numerical
value of a physical quantity was simply assumed to be in the middle between the upper
and lower limiting circle of an element. Strictly speaking, this is not correct. As in the
case of the error due to the change in absorption coefficient, the exact position of the
averaged physical quantity is unknown since a priori knowledge o f the physical quantity
would be required for its determination. However, Wang and Jacques pointed out that
there is an optimal point if linear approximations are employed^“ . The optimal location
found is
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r. =

(4-24)
^

12(1- i )
2

The second term in Equation (4-24) provides the correction and, as is obvious from the
X

in the denominator, decreases quickly with increasing /. In fact, the largest corrections

are made to elements closest to the center (eg. ri=0.666Ar, T2 = 1.556Ar, r3 = 2 .5

3 3

A r,...).

The relative size of the corrections show that only the correction for z=l may be
necessary (r / 33%, rg: 3.7%,

1.3%, ...). Nevertheless, this correction is important

when convolution techniques are used to convolve the MC result o f a delta function light
source with a finite beam profile as most MC models^^^’^^^*^ do. In this case, errors
introduced by the offset in radial location may lead to considerable errors in the final
result. This effect may be less apparent in the approach taken in the model presented
here where a laser beam profile is represented by scanning the launch positions of the
photons.

4 .6

E xam ples

o f l ig h t d is t r ib u t io n s

A few results of calculations of light distributions will be presented here to
demonstrate general effects of light scattering and absorption in tissue. Later, in Chapter
6

the model is applied to typical treatment geonfietries for a variety o f tissues whose

optical coefficients and their measurement are described in Chapter 5.

4.6.1

Diffuse reflectance

The effect of albedo and scattering anisotropy on the reflectance is shown in
Figure 4.12 and Figure 4.13. The data is calculated for a geometry with refractive index
match at the tissue surface. Figure 4.12 shows clearly how the diffuse reflectance from
the tissue increases sharply with increasing albedo. The probability that the multiply
scattered light leaves the tissue increases with a relative decrease in absorption compared
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Figure 4.12: Diffuse reflectance as a function of albedo a with parameter g.
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Figure 4.13: Diffuse reflectance as a function o f anisotropy g with parameter a.

159

to scattering. This effect can also be interpreted as "coupling efficiency" if this is
defined as (1-/?J. The larger the albedo, the less efficient is the coupling of light into
the scattering object. In the limiting case of a - l the coupling efficiency approaches 0.
The object is then acting as an ideal diffuse mirror.
The chance to escape the tissue also increases with decreasing g since at smaller
g, when scattering gets more isotropic, the single photons stay on average closer to the
surface. When the same data of Figure 4.12 is plotted as a function o f anisotropy, as is
shown in Figure 4.13, this effect can be seen more clearly.
Using the extended MC model, it may be possible to analyze the diffuse
reflectance o f a layered structure as a function of the thickness of the surface layer. A
layered structure is easily composed using the extended geometry of the MC model with
an embedded sphere (see Section 4.3.3). The radius of the sphere is chosen sufficiently
large that the curvature of the part of the sphere intersecting the tissue is negligible. The
origin of the sphere is then chosen such that the sphere intersects with the tissue to a
depth which is equal to the thickness of the layer to be approximated. The results of
calculations in such a geometry are shown in Figure 4.14. The optical parameters chosen
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Figure 4.14: Variation in diffuse reflectance from a layered structure with the
depth of a surface layer of larger scattering coefficient. See text for details.
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were |i,i=5 mm %p.,2 = 10 m m '\ and g=0.875. Hence, the scattering coefficient of the
surface layer was twice of that of the bulk tissue. The absorption coefficient was
0.5 mm'^ in both cases, and there was a refractive index change of «,=1.40 at the tissue
surface. The result clearly shows the increase in
surface layer which has the higher albedo. In fact,

with increasing thickness of the
nearly doubles with a layer

thickness of 1 mm. Further increase in the layer thickness does not significantly increase
the reflectance. This observation may have important consequences in limiting the use
of the simple measurement of reflectance as a parameter to monitor the progress of
lesion development due to thermal damage.

4.6.2

Effect of refractive index mismatch

In most of the examples considered in this chapter, only the case of refractive
index matching at the boundary has been considered. This was primarily to enable the
comparison of MC data with results from analytical models and to analyze general
features of light transport in tissue. A great advantage of the MC model is that a
refractive index change at the boundary may be easily accounted for. It is of interest
how the internal light distributions and the reflectance are affected by the refractive
index mismatch. To demonstrate the effect, data from two MC simulations of the same
optical parameters (a=0.95, p,=0.5 mm \ g=0.875) and different relative refractive
index («,= 1.00 and «,= 1.40) are compared in Figure 4.15. The relative radiant energy
fluence rate appears elevated close to the surface due to the refractive index change.
This can be explained by the internal reflection of diffuse photons at the boundary.
Diffuse photons are effectively "trapped" inside the tissue. This shows also in a change
in the pattern of the radial reflectance. In the case of the refractive index change being
included, the reflectance is generally lower, in particular close to the light source. Less
light can escape the tissue when a refractive index mismatch is present.
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Figure 4.15: Effect of refractive index mismatch at the tissue surface (z=0) on (a) the
relative radiant energy fluence rate and (b) the diffuse reflectance.
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4.6.3

Relative radiant energy fluence rate

Any therapeutic application of light is based on the physical effect produced by
the light in tissue. This effect is, of course, proportional to the radiant energy fluence.
However, it is also proportional to the local absorption coefficient. The product of
radiant energy fluence and absorption coefficient is the relevant treatment parameter,
often referred to as absorbed dose. There can be plenty of light scattered around in the
tissue, but, if there is a small absorption coefficient, it will have little therapeutic effect.
The difference between the two parameters becomes clear in Figure 4.16. Figure 4.16(a)
shows the relative radiant energy fluence as a function of depth for a number of
different albedos (p^

= 1 0

mm^ was kept constant). As the albedo increases, \|/(z)Aj/o

increases due to the effect of multiple scattering. Since |X. is decreasing at the same
time, the absorbed dose and hence the physical effect o f the irradiation close to the
surface also decreases, as seen in Figure 4.16(b).

4 .7

C hapter

su m m ar y

It has been demonstrated that the modelling of a photon path in tissue may be
treated as a random-walk problem. The physical properties of the interaction of photons
with tissue were introduced by weighting this random-walk with the optical coefficients
of the tissue, namely the absorption coefficient, the scattering coefficient, the SPF and
the refractive index. It was pointed out that the major attraction of a MC simulation is
its ease of applicability to complex geometries compared to various analytical models
of light transport in tissue which involve the analytical or numerical solution of
approximations to the radiative transport equation (see Equation (1-11)). The statistical
nature of the MC simulation requires a large number o f simulated photon paths. This is
the limiting factor in MC calculations. While computing time increases linearly with the
number of photons, the standard error of the result decreases only with the square root
o f the number of photons.
Results obtained from the MC model were compared to analytical solutions to the
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radiant energy fluence rate and (b) the absorbed dose, versus depth.
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multiple scattering problem and, with few exceptions, perfect agreement was established.
The MC model was then extended to include refractive index mismatch at the boundary
and to a geometry including a sphere of different optical properties embedded in the
infinite half space. This geometry was used to analyze the general dependence o f diffuse
reflectance on the thickness of a layer of higher scattering coefficient on top of the bulk
medium. This geometry of the model is used later in Chapter

6

to model light

distributions in partly coagulated tissues by taking into account the different optical
properties of native and thermally damaged tissue.
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Chapter 5

E x p e r im e n t a l

d e t e r m in a t io n o f t h e o p t ic a l

PROPERTIES OF TISSUES

"When a scientist doesn't know the answer to a problem, he is ignorant. When
he has a hunch as to what the result is, he is uncertain. And when he is pretty
darn sure o f what the result is going to be, he is still in some doubt. "
R ich ard P. F ey n m a n , What Do You Care What Other People Think?

There are two different experimental approaches to determine the optical
properties of scattering materials in general, and biological tissues in particular. These
can be classified as direct and indirect methods^^*. Direct methods employ samples
which

arethinenough such that multiple scattering is negligible. In general, this

condition can only be fulfilled in situations where the optical properties are measured
in vitro. Indirect methods rely on the application of a model of light transport to extract
the transport coefficients (absorption and scattering coefficients) from the measurements
of macroscopically observable parameters such as reflectance and transmittance of an
optically thick sample. In this work, both approaches were followed. The measurement
of the SPF of tissues, which is described in Section 5.1 (for the definition of the SPF see
also Section 1.2.1), is based on a direct method. This method was applied to the
measurement of the SPF of rat liver and human prostate at a wavelength o f 1.064 pm
and, in the case o f rat liver, also at 1.32 pm. Both native and thermally denatured tissues
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were examined. An indirect method was applied to the determination of transport
coefficients. The technique relies on the experimental measurement of reflectance and
transmittance of an optically thick sample. From these experimental results, the transport
coefficients

and |i, were found using a model of light transport based on a MC

technique. The method, relying on the experimental determination of the SPF, was
originally developed by van der Z ee ^ and is explained and discussed briefly in Section
5.2.1. It was applied to the measurement of absorption and scattering coefficients of rat
liver, human prostate and human aorta. Again, both native and thermally coagulated
tissues were examined, some at three wavelengths, 1.064 pm, 1.32 pm and 2.1 pm.
Additionally, the transport coefficients o f previously frozen rat liver were determined.
The chapter closes with a brief description of an experimental method to determine the
refractive index of tissues followed by a comparison of the refractive indices of native
and thermally coagulated rat liver taken from preliminary measurements using this
technique.

5.1

S in g le s c a t t e r in g p h a se fu n c tio n

The angular dependence of scatter in tissues is often approximated by an
analytical function, the Henyey-Greenstein phase function which was introduced in
Section 4.2. This approximation may not be satisfactory for some tissues and may not
be sufficient for modelling light distributions where higher accuracy is required. Hence,
in some cases it may be desirable to experimentally determine the angular dependence
of scatter for as large a range of scattering angles as possible. There are great
experimental difficulties involved in the measurement of the SPF which, in some cases,
are virtually impossible to overcome. A number of reports can be found in the literature
where the SPF of various tissues was determined. An early work was presented by Hardy
et al.“ ’ who measured the angular spread of a collimated light beam o f wavelengths
from 550 nm to 2.2 pm on excised skin. The sample thickness used was too large to
avoid multiple scattering. Hence, a large difference was found in the point spread
function between the visible, where significant multiple scattering occurred in the
sample, and NIR wavelengths, where the scattering coefficient was lower. The
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measurement technique was taken further by Bruls and van der Leun^° who used a
glass hemisphere to squeeze a thin piece of skin onto a diaphragm. Their experimental
setup allowed measurements only at angles between 0° and 60°. The experimental
results showed the same feature as was previously revealed by Hardy et al.“ ^, namely
the highly forward peaked direction of the scatter. Jacques et al.^^^ and Flock et al.^^^
introduced further improvements to the measurement technique. Both have suggested the
use o f a water bath to improve the matching of the surrounding medium to the refractive
index of the sample. This arrangement allowed, for the first time, measurements of
scattered light intensity to be made at angles closer to 90° and larger than 110°, in the
backscattering hemisphere. There was still an undesirable gap in their data between 70°
and 110° caused by the fixed position of the sample at 90° to the incident beam and the
refractive index mismatch between the sample and the glass of the slides between which
the sample was held. This deficiency was overcome by the experimental technique
applied by Marchesini et al.^^ who simply turned the sample to an angle o f 45°
relative to the incident light beam which allowed the collection of data at angles
previously not accessible. Key et al. presented results of measurements of the SPF of
breast tissues^® at 700 nm but did not give any detail of their experimental technique.
The method followed in this work is based on the technique developed by van der Z ee^
and is described in the following section.

5.1.1

Experimental technique

Experimental setup. A schematic of the experimental setup used to measure the
SPF of tissues is shown in Figure 5.1. The system comprised a stepper motor controlled
goniometric detector arrangement rotating around a glass cylinder in which the sample
was placed. The sample thickness was defined by a sheet of polyester film (thickness
d=25 pm) which acted as a spacer between the two halves of the glass cylinder. The
light source used to illuminate the sample was a modular, flashlamp pumped solid state
laser (Lumonics, Ltd.). This laser was also used in the integrating sphere experiments
described later in Section 5.2.1. It was a purpose-built experimental laser system, not
available commercially and assembled on an optical table for maximum flexibility.
Using a Nd:YAG rod in the ceramic pumping chamber, laser action at 1.064 pm and
1.32 pm was achieved with the two different sets of mirrors available. The system
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Figure 5.1: Schematic of the experimental setup to measure the SPF of tissues.

allowed easy exchange of rods and mirrors such that, when a Ho: Y AG rod was used
with a matching mirror set, a laser wavelength of 2.1 |im was also obtainable. Apertures
within the cavity were used to optimize beam quality, which was of particular
importance for the SPF measurements where a low divergence beam was required.
Depending on the flashlamp discharge parameters, such as capacity of, and voltage
applied to the charging capacitors, the fixed Q laser pulses from the Nd:YAG transitions
were typically 300 |is in length. Two steering mirrors directed the laser beam onto the
glass cylinder positioned in the goniometer system which was rigidly fixed on the
optical table (see Appendix B). The laser beam was purposely misaligned with respect
to the horizontal plane of the optical axis, pointing up at an angle of 2°. This was to
ensure that strong specular reflections from the interface between glass and air did not
re-illuminate the sample at the same place as the primary laser beam. The detector and
the glass cylinder were rotated by means o f stepper motors (McLennan Servo Supplies
Ltd., Surrey, No. ID31 B-sp) controlled by a desktop computer via home-made driver
electronics. The angular resolution, defined by the step size o f the geared stepper motors
was 0.36’ for the detector arm and 0.9’ for the cylinder. Due to mechanical deficiencies
in the gearing, the actual accuracy of angular positioning was estimated to be about ten
times less (5’ and 10’).
The scattered light from the sample was measured using a collimated detector
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arrangement comprising a positive lens

( 1 0 0

mm focal length), an aperture

( 1

mm

diameter), and a Germanium photodiode (EG&G, Model No. J16-18A-R01M). The
detector was aligned for maximum signal with no cylinder present and peaked again
after the cylinder was put into position. In addition to the scattered light, light collected
from the illuminating beam by a fibre was measured using a second diode and was used
as a reference. The light intensity detected by the Germanium photodiodes was amplified
using a home-made preamplifier circuit comprising a precision high speed operational
amplifier (Burr-Brown, OPA627) with a low input bias current (2 pA, typically) in the
input stage. The transient light intensity during the laser pulse was recorded using a
transient recorder with a vertical resolution o f 12 Bits, an acquisition rate of up to
8

MHz, and a memory of 262,144 (extendable to 917,504) data points. The transient

recorder was designed and constructed as part of the work presented in this thesis and
is described in more detail in Appendix A. The digitized data of both the reference and
the scattered light intensity was transferred to the controlling computer for further
processing.
System response. Using a collimated laser beam of ca. 2 mm diameter, the
system response of the glass cylinder was determined. The full width half maximum
(FWHM) of the light intensity as a function of angular displacement of the detector arm

was found to be about 3°. This was due to the lensing effect of the cylinder surface
which lead to a divergence of the collimated laser beam. This rather crude system
response was improved considerably by using a positive lens (500 mm focal length) in
the illuminating light path to focus the beam onto the cylinder surface. The system
response was optimized by variation of the distance of the lens from the cylinder
surface. Using this arrangement, the system response was improved markedly and the
FWHM was reduced to less than 0.7°, as shown in Figure 5.2(a). The data shown in

Figure 5.2 were collected with Propan-l-ol present in the sample holder. Propan-l-ol
was chosen since its refractive index^^ o f 1.386 is close to published values of tissue
refractive index^^°. Figure 5.2(b) shows the complete system response over the full range
o f angles accessible by the detector arm. The range between 30° and 165° was omitted
in this graph because in this region the signal was too small to be measured. A number
o f distinct features are obvious in this full range system response which need to be
considered when the measured SPF of tissues are critically interpreted in Section 5.1.4.
A fast decrease in intensity between 0° and 2° to 10"^ of the light intensity measured at
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range.
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0

° is followed by a shoulder between 2 ° and 6 ° before the intensity drops a further four

orders of magnitude at 10°. The reasons for this are the lensing effect of the cylinder,
which transfers the collimated laser beam to a line, combined with specular reflections
within the glass cylinder. The overall dynamic range of the system response is about
10^, a dynamic range which is not easy to cope with experimentally. There is also a
considerable increase in intensity at angles close to 180°. This is caused by specular
reflections at the interface between sample and glass and, more importantly, the interface
between glass and air at the far side of the cylinder. The average cosine o f the system
response shown in Figure 5.2(b), calculated according to Equation (5-5), was 0.9993. A
particularly desirable feature of the system response shown in Figure 5.2(b) is the lack
of local intensity maxima originating from specular reflections. This was achieved by
the obliquely incident laser beam and a careful selection o f the rotational offset of the
cylinder to avoid specular reflections reaching the detector.
Sample preparation. Samples were taken as fresh as possible. In the case of the
rat liver, this was no longer than 30 minutes after excision from the animal. In the case
of the post mortem human prostate, the samples were obtained from the mortuary
typically 24 hours after death. The specimens were kept at 4°C until the moment a
sample was prepared for examination. In the case of the measurement of thermally
coagulated tissue, the samples were packed in a thin, water tight polyethylene bag and
immersed in a water bath at 70°C for 10 minutes. This technique was chosen to provide
a reproducible means of generating the thermal damage. After thermal coagulation, the
specimens were kept at 4°C until ready for examination.
Before a new sample was prepared for a measurement, the surfaces of the glass
cylinder were thoroughly cleaned in two stages using methanol and acetone to remove
grease and stains from the previous measurement. The spacer sheet which had a circular
hole of about 15 mm diameter was placed on one of the halves of the cylinder. Then a
small sample was taken from the tissue specimen using a surgical scalpel and placed on
one half of the glass cylinder in the centre of the hole in the spacer. The volume o f this
sample was about 5 mm^ to fill the space provided by the gap in the spacer sheet. The
second half o f the cylinder was put on top of the sample immediately to minimize water
evaporation. The cylinder halves were then placed in an aluminium holder and squeezed
tightly together using screws at the top and bottom of the holder. This tight fit made a
good seal such that further water evaporation during the measurement was minimized.
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Using this preparation procedure, manipulation of the tissue was reduced to a minimum.
Even the adding of saline to prevent the sample from drying out could be avoided. In
particular, more extensive preparation procedures, such as freezing, as used by other
workers^^’^^ to achieve a small sample thickness were purposely not applied on the
grounds that these may have changed the scattering properties of the tissue considerably
(see Section 5.2.2).
Measurement procedure. The time required to measure a full SPF was
approximately

1 0

minutes, counted from the time the sample preparation (which

included the alignment of the sample in the goniometer) was completed. During that
time, the sample was kept at room temperature. The detector arm was aligned at 0°, the
angle of maximum intensity in the forward direction. Measurements of scattered
intensity were taken at angular steps of 0 .2 ° between 0 ° and 2 °, at steps of 1 ° between
2° and 10°, at steps of 5° between 10° and 170°, and at steps of 1° between 170° and
178°. Obstruction of the incident beam by the detector arm prevented measurement at
angles higher than 178°. The cylinder was rotated simultaneously with the rotation of
the detector arm to allow the measurement of scattered light at angles close to 90°. In
principle, as is indicated in Figure 5.1, the angle between the sample and the incident
light was the same as the angle between sample and detector. In practice, the sample
was positioned at an angular offset of -10° (clockwise in Figure 5.1) to minimize the
effect of multiple specular reflections between the interfaces o f glass and tissue and
avoid their overlapping the SPF. At each angular position, the scattered intensity of up
to 1(X) laser pulses was recorded, the data transferred to the computer, numerically
integrated and averaged. When the detector arm reached 100°, the cylinder was turned
by -65° (clockwise in Figure 5.1) to allow the measurement in the backscattering
hemisphere. The detector arm was always turned in one direction only during the
measurement to reduce the effects of backlash in the gearing.
The only feasible way to cover the very large dynamic range of the scattered
light intensity in the experimental setup used, was to attenuate the illuminating laser
beam by various suitable amounts using neutral density filters in the optical path. The
filters were carefully aligned in the optical path to avoid any displacement of the laser
beam. During the measurement, filters were removed in several steps as the detected
light intensity fell. Although the known optical density of the filters could have been
used for normalization of the data, each time a filter was removed, a second
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measurement was taken at the same angular position for normalization of the intensity.
Data processing. The first step in the processing o f the raw intensity data of a
sample i involved normalization according to the neutral density filters used. Since the
effective sample thickness varied during the measurement with the rotation of the
cylinder in the laser beam, a correction (according to the cosine o f the angle between
the normal of the sample plane and the direction of the laser beam) was carried out.
Since the intensity data close to 0° was comprised of both unscattered light and strongly
forward scattered light and may have been dominated by unscattered light due to the
system response of the glass cylinder, the data below

1

° has been omitted in the

calculations and replaced by extrapolating the intensity data from the measurement at
1°. In the case of angles larger than 178° which were not accessible to the detector, the
intensity data at 178° was extrapolated to 180°. The corrected intensity data /,('0) was
used to calculate the SPF by integration over the solid angle to yield the SPF /('d) for
each sample assuming azimuthal symmetry:
/(Û )

4k

For each set of m measurements taken, the mean SPF </('d)> was calculated according
to

</(d)> = - î - è w. /.(d)

(5-2)

fn i=i

where each individual SPF was weighted by w,

w. = ^ ----------

,

</(d)> =

J</.(T^)>dO

(5-3)
^

‘ =1

to account for the variations in scattering coefficient from sample to sample^. The
standard deviation (Sf for

was calculated according to
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a} = _ l _ ê
m - 1 i=i

- f ,W f

(5-4)

In a similar manner, the average anisotropy factor <g> with the corresponding standard
deviation Og was computed from the individual anisotropy factor g, calculated for each
sample:

gi = j}\(i))cos(i})(fn

(5-5)

4ic

with <g>

<g> =

w.g.

(5-6)

m

and Gg

The integrals in Equation (5-1), (5-3), and (5-5) were calculated numerically in the form
of sums after linear interpolation between the experimental data points. The data
processing was carried out using a commercially available spreadsheet software for
personal computers (Smartware II, Informix, Inc.) which provides standard functions for
statistical analysis. In addition, calculation routines were developed within this software
package to ease and speed up the data processing.

0.0.1

Single scattering phase function of rat liver

The SPF of rat liver was evaluated at two wavelengths, 1.064 pm and 1.32 pm.
At both wavelengths, the SPF of native and thermally coagulated rat liver was measured.
The results are shown in Figure 5.3 (1.064 pm) and Figure 5.4 (1.32 pm).
Figure 5.3(a) is the average SPF of a total number of 12 measurements using
tissue from 2 different animals. Figure 5.3(b) is the average o f 19 measurements on
samples from 3 animals. General features common to the SPF of all tissues analyzed in
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Figure 5.3: SPF of (a) native and (b) thermally coagulated rat liver at 1.064 |im.
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Table 5(i) Summary of the average g for all rat liver samples studied. The values
are listed together with number m of samples and the standard deviation
Sample

1.32 pm

1.064 pm
m

<8>

0.033

30

0.864

0.051

0.870

0.028

12

0.846

0.058

12

0.885

0.030

12

0.866

0.053

frozen

6

0.915

0.020

-

n.a.

n.a.

coagulated
(laser)

6

0.860

0.039

6

0.890

0.024

m

<&>

36

0.878

fresh

12

coagulated
(water bath)

Total

this work may be found in Figure 5.3. Firstly, the SPF is strongly forward peaked. The
total dynamic range is approximately 10^. There is a fast, steady and featureless decay
up to 90° (tc/2). Secondly, some of the SPF’s showed a small local maximum at around
100° as may be seen in Figure 5.3(a). This feature is not obvious in the SPF of the
thermally coagulated sample as shown in Figure 5.3(b) which may be the only
noteworthy difference between the SPF’s of native and thermally coagulated rat liver.
Between 110° and 150°, the SPF is again featureless before it increases again towards
180° (n). The error bars in Figure 5.3 were calculated according to Equation (5-4).
The SPF of native and thermally coagulated rat liver at 1.32 |xm, as shown in
Figure 5.4, does not reveal notably different features compared to the SPF at 1.064 jim.
For each set of measurements, the anisotropy factor g was calculated. The results are
summarized in Table 5(i). The g calculated from measurements on pre-frozen rat liver
and laser coagulated rat liver are also listed in Table 5(i). The corresponding SPF are not
presented in graphical form here, since they reveal no new features compared to the data
shown in Figure 5.3 and Figure 5.4. It is obvious from this data that within the standard
deviation the g is virtually the same for the samples examined. The largest difference
may be found between the result from the frozen sample with the largest g and the laser
coagulated sample with the smallest g. This finding is surprising in the light of previous
results^^^ which have shown that there was a significant decrease in g with thermal
coagulation. Sources for this discrepancy may be found in both the different
experimental setup and the different sample preparation used in the previous study. The
goniometer system used to obtain the previous results utilized the same glass cylinder
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Figure 5.4: spf of (a) native and (b) thermally coagulated rat liver at 1.32 |im.
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but used optical fibres and apertures to illuminate the sample. The resulting system
response was considerably broader than that of the system here. Furthermore, the two
halves of the glass cylinder were previously held together with a plastic strap and a tight
squeeze of the sample was not possible. This may have resulted in a larger sample
thickness, in particular for the more rigid coagulated sample. Second order scattering
events in the sample were, therefore, unlikely to be negligible and this would result in
a smaller g for the coagulated sample. The use o f the laser to generate the thermally
coagulated sample in the previous measurements may also have contributed further to
this discrepancy by resulting in a different degree o f thermal damage. This effect is also
visible in the measurements presented here, where, in the case of the 1.064 p.m
wavelength, the laser coagulated sample reveals the lowest g of all samples examined.

5.1.3

Single scattering phase function of human prostate

For the SPF of human prostate the same comments apply as were stated in the
case of rat liver in Section 5.1.2. Figure 5.5 shows the average SPF of 12 samples from
2 specimens of native {postmortem) human prostate (Figure 5.5(a)) and the average SPF
o f 12 samples from 2 specimens of thermally coagulated human prostate (Figure 5.5(b))
at a wavelength o f 1.064 |im. Again, there is little difference in the SPF between the
native and the thermally coagulated tissue. The average g o f the samples studied are
summarized in Table 5(ii). There is no difference in g between thermally coagulated and
native human prostate.

Table 5(ii) Summary of the average g of all human prostate samples studied at
1.064 |im with the number m of samples and the standard deviation a^.
Sample

m

<g>

c.

Total

23

0.861

0.052

fresh

12

0.862

0.062

coagulated
(water bath)

11

0.861

0.042
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Figure 5.5: spf of (a) native and (b) thermally coagulated human prostate (post mortem)
at 1.32 pm.
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5.1.4

Remarks

On the whole, the measurement of the SPF o f tissues was the technically most
challenging and most time consuming part of the experimental work reported in this
thesis. In a preliminary study, using a goniometer system without stepper motor control,
2

hours were required to complete a single

spf.

The construction of a completely new,

stepper motor controlled system reduced this time to about

1 0

minutes (but the

construction itself consumed a considerable amount of time). With this system it is now
possible to obtain statistically valid results within a reasonable time. However, whilst
characterizing the system and taking measurements such as the system response shown
in Figure 5.2, various sources of errors and deficiencies of the design were discovered
which are addressed in this section. Suggestions for further improvements are also given.
Displacement of the laser beam. As was explained in Section 5.1.1, the
dynamic range of the SPF was covered using neutral density filters. Although each
individual filter was carefully aligned in the optical path such that lateral displacement
of the laser beam was minimized, the cumulative effect of all filters being removed
could not be analyzed. Any displacement of the laser beam would lead to the
illumination of a different area of the sample, which would possibly display different
scattering properties, and to a change in detected scattered intensity. A second source
of displacement of the illumination was found in the way the glass cylinder was held
in the goniometer. The two screws used to squeeze the two halves of the glass cylinder
in the holder, located at the top and bottom on one side of the holder, resulted in the
axis of the cylinder being placed slightly off the axis of rotation. In addition, the
cylinder together with its holder was held in the goniometer in a bore hole with a single
grub screw, again resulting in a slight offset about the axis of rotation. The additive
effect of these two very minor offsets resulted in a measurable displacement of the laser
beam when the cylinder was rotated. However, when the holder was turned by 180° the
two effects cancelled out and a displacement was no longer detectable. Hence, during
all measurements, care was taken that the holder was placed in the goniometer such that
this condition was fulfilled.
Spot size. The focusing of the laser beam onto the cylinder wall to optimize the
system response and minimize the FWHM resulted in a very small spot size at the
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position of the sample. The size was measured using photographic paper ("bum paper")
resulting in a crude estimate of the spot diameter of less than 100 pm. At these
dimensions, tissue can not be regarded as reasonably homogeneous and artefacts in the
SPF resulting from structures being randomly present in the illuminated area may occur.

Preferably, the spot size should be chosen to be larger to obtain an average o f the
scattered intensity over a larger tissue volume. However, this conflicts with the desire
for a small FWHM o f the system response when the current design including the glass
cylinder is used.
Specular reflections. The most serious systematic errors in the measurement
originate from specular reflections within the cylinder which then re-illuminate the
sample and generate a secondary SPF. Depending on the magnitude o f the specular
reflection and the scattered light intensity of the first order SPF at a particular angle, the
secondary SPF can dominate the signal. There are two possible sources of specular
reflections. These are the interface between tissue and glass and the interface between
glass and air. Although small, any specular reflection re-illuminates the sample and
generates a secondary forward phase function which may be measured at angles close
to 180°. The effect of specular reflections between glass and air was reduced by
choosing an obliquely incident beam. For geometric reasons, an angle of 2° to the
horizontal plane could not be exceeded^ A further reduction was achieved by means
of a beam dump provided by a black cloth attached to the far side o f the cylinder using
optical coupling gel. This technique, however, was not practical for use during every
measurement.
Although the amount of light being reflected at the interface between tissue and
glass seems at first sight to be small (for example, about 0 .2 % at the interface between
tissue and glass) this may be significant when the dynamic range of the SPF is
considered. In particular, the small intensity maximum measured at 1(X)° originates from
a re-illumination of the sample by the specular reflection o f the incident beam at the
interface between tissue and glass distal to the incident beam. This effectively results
in a secondary forward SPF overlapping the primary SPF at 100°. Experimental proof of
this hypothesis was found by keeping the detector arm fixed at 90° and rotating the

^

The most efficient reduction of this specular reflection would be achieved by
appropriate anti-reflection coating. The glass cylinder available for this work had
a single layer coating. Since it was originally used in a different setup, the
coating was designed for minimal reflectance at 800 nm.
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cylinder with respect to the incident laser beam. This resulted in an intensity increase
similar to that observed at 0° in the SPF. A broad intensity maximum was found, as
expected, at an angular position of the sample of around 45° with respect to the incident
beam. When the same experiment was carried out with Propan-l-ol present in the glass
cylinder, no increase was detected at 45°. This was because the angular step size of the
measurement was too large to resolve the narrow specular reflection. As was seen in the
measurement of the system response shown in Figure 5.2, the same specular reflection
may also contribute to the increase in intensity at angles beyond 150° although
experimental data to quantify this effect is not available.
Sample preparation. Lastly, there is some concern that the scattering properties
of the tissue are changed when tightly squeezing a small sample to a layer about 25 |im
thick. Such a thickness is equivalent to about two layers of cells. The shape of the cells
may, therefore, be changed and the connective tissue structure may be destroyed.
Changes in scattering properties during the measurement are also a concern. The
faster data acquisition using the stepper motor controlled goniometer system has allowed
considerable improvements such that the sample may be regarded as stable during the
shorter time of the measurement. In addition, the method presented here is thought to
avoid the more significant structural changes imposed on the tissue by freezing or
paraffin embedding, which are required to obtain thin cuts.
Comparison with other data. No data of

spf

or g from prostate, neither native

nor thermally coagulated, has been found in the literature. At the wavelengths studied,
data from native rat liver is available from the work of Parsa et al.^^^, the results of
which have been included in Table 2(vi). Their results tei.o6 4 mn=0-92, gi.32^=0 91) are
slightly higher than the results presented here. A reason for this may be the artificially
high intensity measured at angles close to 180°. Caused by specular reflections, this is
not part of the tissue SPF and leads to lower than expected values for g.
Conclusion. It may be concluded from this discussion that the largest and most
important part of the experimentally determined SPF, namely the angular range between
1° and 150°, was adequately sampled in this study and the data in this range is
consistent. The fact that angles below 1° cannot be measured has little impact on the
size of g and the worth of the SPF because it covers only a small fraction of the total
solid angle. More significant is the effect of the measured increase towards 180°.
Evidence was given that, at the observed signal magnitude, this is a measurement
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artefact resulting from specular reflections within the glass cylinder and hence a re
illumination of the sample. This increase in the SPF reduces the magnitude of g
considerably and may lead to an artificially small value when compared to other data.
It may be possible to use sophisticated curve fitting techniques to extrapolate from the
data in the range between 100° and 150° to replace the experimental data in the range
from 150° to 180°, which is affected by this reflection artefact. However, omitting the
data in this range and processing and extrapolating the remaining data to 180° was not
considered, since it was impossible to quantify the effect of the specular reflection to
the required accuracy.
The design of an improved experimental apparatus and the collection of reliable
experimental data on the SPF of tissues remains in many respects a challenging task.
However, it is clear that plotting the experimental data in a linear plot to cover
measurement artefacts and to imply a good fit to a Henyey-Greenstein SPF^^ is surely
not the solution to this problem. A considerable improvement to the design of the
experimental technique described here may be reached by choosing a different medium
in which to hold the sample (i.e. one having a refractive index closer to that of tissue).
One option would be the use of an appropriate liquid in which the sample, squeezed
between two low refractive index glass slides, is immersed. Adequately diluted glycerol
or a sugar solution may be suitable as the immersion liquid. The experimental setup
described here was designed such that this arrangement may be possible in future. In
this case, the use of a beam stop to attenuate the main beam in the forward direction
would further improve the experimental design.

5 .2

T r a n sp o r t c o e ffic ie n ts

A wide range of experimental methods for the determination o f absorption and
scattering coefficients of tissues have been suggested since the field of tissue optics first
attracted interest. Most of the methods used have been indirect methods and have been
based on the application of some model of light transport to experimentally observable
parameters obtained from measurements on samples. So far, in vitro experimental

184

techniques have often involved the use of integrating spheres to measure diffuse
reflectance (/?,) and diffuse transmittance (7^) of a slab of tissue. Both iterative methods
and non-iterative indirect methods^^^ have been applied. Examples of non-iterative
methods are the analytical calculation of transport parameters |i^ and

from

2

-flux

models^, first derived by Kubelka and Munk^*’^®, and the comparison of experimental
results with results from MC models^^’^ * ^ . Examples of the application of various
iterative models to /?, and 7, data were summarized in review articles^**^^ and may be
found, for example, in the work of Karagiannes et al.^* and Parsa et al.*®^ (diffusion
approximation), Pickering et al.^^^ (adding-doubling method) and Wilksch et al.^^
(MC). Other techniques to obtain transport parameters were suggested, for example, by

Groenhuis et al.^^’^^, Amfield et al.^*°, Fukshansky et al.^®\ some o f them with the
prospect of applicability to in vivo situations. Recently, time resolved spectroscopy has
also been evaluated as an in vivo technique by applying solutions of the time-dependent
diffusion equation to the experimental results^^. However, there remain unsolved
problems in the simple application of this technique to the measurement of the
absorption coefficient*®. Techniques which have been investigated on the sidelines
include photoacoustic spectroscopy (see Spahn^^ for a comprehensive list of publications
on photoacoustic spectroscopy) and photothermal radiometry^*^. For an extensive
review of existing techniques for the determination o f the optical properties of tissues
the reader is referred to the work of van der Z ee^ .

5.2.1

Experimental technique

The experimental technique used in this work to determine transport parameters
^

of tissues is an indirect technique. It was developed, tested and characterized by van der
Zee. Since the details of his work are published in the form of a PhD dissertation^, the
kernel of the technique, a MC inversion, is described here only briefly.
Experimental setup. A pair of integrating spheres form the basis of the
experimental design which is shown in the form o f a schematic in Figure 5.6. The same
light source, a fixed Q solid state laser, and the same data acquisition system as
described in Section 5.1.1 for the measurement of the SPF were used. An aperture within
the laser cavity improved beam quality and reduced the beam diameter to approximately
2 mm. Using a steering mirror, the laser beam was directed through the reflection side
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Figure 5.6: Experimental setup used in the determination of reflectance /?, and
transmittance 7,.

sphere onto the sample. Care was taken that the specular reflection of the collimated
laser beam was reflected back through the entrance port of the sphere and could not,
therefore, contribute to the measured signal. The spheres were carefully designed to
match the requirements of the experiment and were constructed from commercially
available hollow plastic spheres (St. Claus Seasonal Accessories Ltd., London) and
multiply coated with white reflectance paint (Kodak, White Reflectance Coating 6080).
Details of the integrating sphere design are given in Appendix C. Between the reflection
side and transmission side spheres a sample holder was fitted comprising two
microscope cover slides with a black polyacetal (Delrin) spacer in between (see

M icroscope
Cover S lid es
S a m p le
d

Figure 5.7: Detail of the sample holder comprising a spacer ring and two
microscope cover slides placed between two integrating spheres.
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Figure 5.7). Light in each of the spheres was collected by two multimode optical fibres
(400 |xm core diameter) which terminated at two Germanium diodes (see Section 5.1.1).
The fibres could not collect light directly emerging from the sample since they were
positioned at 90° to the sample (see Figure 5.6 and Appendix C) in both the reflection
and the transmission side spheres. Their acceptance angle was about 24°.
Sample preparation. Sample preparation followed the same principles as
described in Section 5.1.1. Samples were collected as late as possible and were kept at
4°C until the experiment commenced. The water bath technique which was described
in Section 5.1.1 was applied to obtain thermally coagulated specimens. A larger volume
of tissue was required for the integrating sphere measurements compared to that for the
SPF measurements. Depending on the thickness of the spacer used, between about
40 mm^ and about 250 mm^ of tissue was required. A detailed schematic drawing of the
sample holder as it is positioned between the two integrating spheres is shown in
Figure 5.7. The tissue was sliced using a surgical scalpel to a thickness approximately
equivalent to the spacer thickness. From this slice a piece was cut to size to fill the
sample holder. Microscope cover slides were attached on both sides of the sample. The
application of gentle pressure ensured that the sample made intimate contact with the
cover glass and filled the sample holder completely. This procedure was carried out with
great care, since the results of the measurements depend crucially on the sample
thickness. In particular, by measuring the thickness of the glass/tissue/glass sandwich
before each measurement using vernier callipers it was ensured that the sample was not
too thick for the spacer used. Before the measurements commenced, the samples were
allowed to adjust to room temperature.
Measurement procedure. The sample holder with the tissue specimen was
placed between the integrating spheres and a measurement of transmitted light intensity
was taken. The transient light intensity of 100 laser pulses was captured, transferred to
the computer, numerically integrated and stored to file for further processing and
averaging. This data acquisition procedure was also applied to the following
measurements. The transmission side sphere was removed and a reading of the reflected
light intensity, using the detecting fibre in the reflection side sphere, was taken. To
complete the set of measurements for one sample, three subsequent measurements were
made which were later used for calibration. These were a reading o f reflected intensity
with no sample present in the sample holder, a reading of reflected intensity with a
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reflectance standard present in the sample holder (Spectralon, Labsphere Inc., North
Sutton, NH) and a reading of transmitted intensity with an empty sample holder. These
five measurements were used to calculate the diffuse reflectance

and diffuse

transmittance T, of the sample. Details of this procedure and necessary corrections to
account for the limitations of the integrating spheres can be found in Appendix C.
Data processing and model. A MC inversion technique provided the means to
obtain the transport coefficients

and |i, from the experimentally determined values of

/?, and T^. The specifically designed MC model was used to calculate a look-up table of
pairs of reflectance and transmittance values in a geometry identical to the experimental
geometry of the sample holder, shown in Figure 5.7. The MC model was able, in
particular, to take into account the finite size of the sample, the finite diameters o f the
laser beam and the sample port hole, and the differences in refractive index between air
and glass and between glass and tissue. The MC model used an experimentally measured
SPF when available, and was run for a sensible range of m absorption coefficients and

n scattering coefficients for each tissue examined and each geometry used. Each pair of
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Figure 5.8: Graphical demonstration of the MC inversion principle. A MC model
is used to calculate a look-up table of pairs of /?, and 7^.
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transport coefficients result in a pair of reflectance and transmittance values. The final
result is a matrix of size n x m x l. The principle of the method is demonstrated
graphically in Figure 5.8. With a look-up table being available for a particular tissue,
the problem reduces to finding a pair of reflectance and transmittance values in the
matrix which matches the measured pair of
coefficients

best. The pair of transport

originally used to calculate this particular pair in the matrix is the

required result. Linear interpolation may improve the result further. Details of the
inversion principle, in particular its verification and demonstration on numerous
examples, can be found in the work of van der Zhe^.
An additional experimental test of the method was performed which was not
carried out by van der Zee. If the inversion technique works well, the resulting
absorption and scattering coefficients should not depend on the sample thickness,
provided that the different sample thicknesses are taken into account in the model
geometry and in the calculation of the appropriate look-up table of pairs of transmittance
and reflectance values. This test was carried out on native rat liver. Livers were obtained
freshly and samples were prepared as described above. Using samples from the same
liver, integrating sphere measurements were carried out at five different sample
thicknesses (0.50 mm, l.CX) mm, 1.50 mm, 2.00 mm and 3.00 mm). These measurements
were repeated for a total number of

O

8

rat livers. The results are shown in Figure 5.9,
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Figure 5.9: Variation in reflectance

and transmittance T, of a sample of rat liver

as a function of sample thickness.
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where the average reflectance and the average transmittance of the samples are plotted
versus sample thickness. The transmittance decreases with increasing sample thickness,
as expected, whereas the reflectance stays virtually constant. For each sample thickness
at which a measurement was taken, a separate look-up table was calculated using an
experimentally determined SPF. Then, the measured pairs of

were compared to

the appropriate look-up table and a best matching pair identified. The absorption and
scattering coefficients resulting from this process are shown in Figure 5.10, where the
average \i^ and |i, from

8

samples together with the standard deviations are plotted

versus the spacer thickness. A linear regression was carried out on the results. If the
inversion technique was ideal, the resulting regression lines would be parallel to the
horizontal axes. The result shows that it is not. However, closer inspection shows that
the deviation is predominantly caused by the measurement at the smallest spacer
thickness (0.5 mm). Beyond a spacer thickness of 1 mm the results of both the
absorption and the scattering coefficients are virtually constant and consistent values are
obtained.
In the case of the 0.5 mm spacer, a smaller absorption coefficient (see
Figure 5.10(a)) was obtained compared to the results when thicker spacers were used.
The scattering coefficient was virtually the same for all sample thicknesses (see
Figure 5.10(b)). Besides the fact that the relative error in spacer thickness is largest for
the 0.5 mm spacer, the optical thickness of the thin sample was smaller than 2.5
according to the experimentally determined transport coefficients. This reduced the
importance of multiple scattering events in the sample and equally increased the effect
of the SPF on the result. Inevitably, errors in the experimentally determined SPF would
show up most in this case. Deficiencies in the measured

spf

used for the MC

calculations, as were discussed in Section 5.1.4, may be an important source of the
deviation of the results using the 0.5 mm spacer. Another source of systematic error may
be found in the measurement principle based on the pair of integrating spheres.
Corrections have been used to account for the imperfections in the integrating spheres.
These are described in detail in Appendix C. For these, the approximation was made that
the illuminating laser beam is highly attenuated by the sample, and collimated light,
therefore, does not contribute to the signal in the transmission side sphere. This
approximation may not be valid in the case of the thin sample and may result in an
erroneous transmittance value. It is also possible, however, that there are still
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imperfections in the inversion technique leading to this artefact.

5.2.2

Transport coefficients of rat liver

In many ways, rat liver acted as a "model tissue" to characterize and develop the
experimental technique and to establish the effect of changes in optical properties with
thermal coagulation before other tissues of clinical relevance were considered.
Integrating sphere measurements were carried out on native, thermally coagulated and
previously frozen samples of rat liver. All samples were examined at three wavelengths,
1.064 |im, 1.32 pm and 2.1 pm. The sample preparation and storage was similar to that
described for the SPF measurements. A spacer of 2 mm thickness was used for the native
and previously frozen samples and a spacer of

1

mm thickness was used for the

coagulated samples in the case of measurements at the NdiYAG wavelengths. A spacer
of 0.75 mm thickness was used for all samples in the case of the Ho:YAG wavelength.
Separate look-up tables were calculated for these different sample geometries and
wavelengths. An average SPF of all samples including native, coagulated and pre-frozen
samples (see Section 5.1.2) was used for both NdiYAG wavelengths. This procedure was
a reasonable approach since the experimentally determined SPF showed little variation
with the state o f the tissued In the case of the Ho:YAG wavelength, no experimental
measurements of the SPF were made, so a Henyey-Greenstein SPF with g =0.80 was used
instead***^.
The small differences in g between the various tissue conditions and the overall
average of all conditions which was used for the calculations were taken into account
by using the similarity relation between two optical media with properties }i,i, gj and |i,2 .
g 2 in the case o f multiple scattering:

The results are summarized in Figure 5.11 and, for closer inspection, in Table 5(iii). The
values shown are the averages of between 20 (1.32 pm and 2.1 pm) and 40 (1.064 pm)

^

The calculation of separate look-up tables for each o f the conditions would have
been impracticable since the average CPU computing time to obtain a single
useful (i.e. low noise) look-up table was o f the order o f 2 weeks (calculated on
SUN® Sparc IPX computers).
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and |i, of native (NRL), coagulated (CRL), and frozen (FRL) rat liver

at 1.064 }im, 1.32 |im and 2.1 }im (see also Table 5(iii)).

individual measurements on samples from 2 to 4 different animals. In this case, the
standard deviation cannot, therefore, reflect variations from animal to animal in terms
of a statistical significance. Nevertheless, using the series of measurements described in
Section 5.2.1 to test the MC inversion technique, an example of inter-sample variation
is available for native rat liver.

Table 5(iii) Summary of absorption and scattering coefficients of rat liver at
1.064 p.m, 1.32 |im and 2.1 |im. (*Data taken from literature^®^).
H.

All.
[mm'i]

11,

Ap,
[mm^]

g

11,(1-g)
[mm**]

0.129

0.012

6.34

0.75

0.870

0.825

coagulated

0.084

0.010

14.1

1.1

0.885

1.62

frozen

0.193

0.015

1.96

0.45

0.915

0.168

1.32 )im
native

0.429

0.014

1.58

0.13

0.846

0.244

coagulated

0.362

0.013

8.84

0.92

0.866

1.18

frozen

0.294

0.024

0.551

0.162

n.a.

0.060

2.1 pm
native

2.12

0.18

2.71

1.06

(0.800)*

0.542

coagulated

2.20

0.20

4.27

0.54

(0.800)*

0.855

frozen

2.15

0.09

1.27

0.36

(0.800)*

0.254

1.064 pm
native
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There are four prominent features apparent in Figure 5.11. These are (1) |i^
increases with wavelength (as expected, a result o f the increase in the absorption
coefficient of water) but is virtually constant for the different conditions o f the tissue at
each wavelength, (2 ) |x, of thermally coagulated samples is significantly higher compared
to that of native samples at each wavelength, (3) |i, o f pre-frozen samples is
significantly lower compared to that of native samples at each wavelength, and (4) p,
of thermally coagulated samples decreases with wavelength (this cannot be observed for
native and pre-frozen samples, since p, is surprisingly low at 1.32 pm for these tissue
conditions). Closer inspection of the absorption coefficient values in Table 5(iii) reveals
that there is some dependence of p^ on the state of the tissue at Nd:YAG wavelengths.
Nevertheless, within the statistical error of the measurement, p^ is constant at 2.1 pm.
Table 5(iii) also summarizes the results of the reduced scattering coefficient which is
considerably higher in the case of coagulated rat liver compared to native rat liver at
each wavelength.

5.2.3

Transport coefficients of human prostate

Human prostate (post mortem) was only examined at a wavelength of 1.064 pm.
Measurements of reflectance and transmittance were made on a total o f 7 specimens
(subject age 58 to 80 years, median 74 years), obtained from the mortuary within 24 to
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Figure 5.12: Transport coefficients of native (NHP) and thermally coagulated (CHP)
human prostate (post mortem) at 1.064 pm (see also Table 5(iv)).
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Table 5(iv) Summary of absorption and scattering coefficients of human prostate

(post mortem) at 1.064 |im.

1.064 pm
native
coagulated

P,
[mm'*]

Ap.
[mm*]

Ap,
[mm*]

g

[mm*]

P,(l-g)
[mm*]

0.147

0.024

4.66

1.34

0.862

0.643

0.080

0.019

8.03

1.15

0.861

1.12

72 hours of death. Virtually all the prostates were enlarged by more than 50%.
Specimens with malignant tumours were not considered. The spacer thickness was
2.0 mm in the case of native prostate and 1.5 mm in the case of thermally coagulated
prostate (again, the water bath technique, described in Section 5.1.1, was used to obtain
coagulated samples). An average SPF from both native and coagulated prostate was used
to calculate a separate look-up table for both geometries. The experimental procedure
and the data processing was identical to that described in Section 5.2.2.
The results of these measurements are shown in Figure 5.12 and Table 5(iv). As
in the case of rat liver, the scattering coefficient increases significantly with thermal
coagulation. The absorption coefficient decreases with coagulation (see Table 5(iv)).
Again, Table 5(iv) summarizes all experimentally determined optical coefficients of
human prostate including g and the reduced scattering coefficient.

5.2.4

Transport coefficients of human aorta (media)

In contrast to the rat liver and the human prostate whose structure is virtually
symmetric in all directions on the scale of the sample size, arterial wall has a distinct
structure in two dimensions comprising three layers which can be distinguished with the
naked eye. The three layers are (1) the tunica interna (or intima) which is in contact
with the blood flowing in the vessel, (2 ) the tunica media (or media) which is the
structural layer consisting of smooth muscle cells and a large number o f connective
tissue fibres, and (3) the tunica externa (or adventitia) comprising smooth muscle cells
and forming the boundary with the surrounding tissue. This layered structure imposes
difficulties on the measurement of the optical properties since each layer may have
different optical properties. A deconvolution of measured reflectance and transmittance
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Figure 5.13: Transport coefficients of human aorta (media, post mortem) at
1.064 |im and 1.32 |xm (see also Table 5(v)). Note the different scale for |i^ on the
right.

data from such a sandwich is virtually impossible. This was pointed out by Keijzer et
al.^^^ who have measured the optical coefficients o f each layer separately at visible
wavelengths (see also Table 2(v))^. The study presented here, therefore, was restricted
to the measurement of the optical properties of a single layer. The measurement of the
media was decided upon since the thickness was sufficiently large for the integrating
sphere measurements.
A total number of

8

specimens of post mortem human aorta (subject age 51 to

72 years, median 58 years) were obtained from the mortuary and measurements were
taken within 30 to 72 hours of death. Reflectance and transmittance were measured on
the native tissue at two wavelengths, 1.064 pm and 1.32 pm, and on the thermally
denatured tissue at 1.064 pm only. The sample preparation involved the removal of
intima and adventitia which were carefully peeled off using tweezers. A hole-punch was
used to obtain a circular sample from the remaining media to fit into the sample holder.
A small amount of saline was added to the sample to improve the refractive index match

Their measurement technique involved freezing the samples. The impact of
freezing on the optical properties of arterial wall is not known. It is likely that
there is some change but it may not be as significant as that observed in the case
of rat liver in Section 5.2.2.
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Table 5(v) Summary of absorption and scattering coefficients of human aorta
(media, post mortem) at 1.064 |im, 1.32 pm and 2.1 pm. (*Data taken from^^^).

1.064 pm
native
coagulated
132 pm
native

P.
[mm

Ap.
[mm*‘]

P.
[mm^]

Am,
[mm’^j

g

P,(l-g)
[mm'^l

0.053

0.009

23.9

4.5

(0.900)*

2.39

0.046

0.018

29.3

7.3

(0.900)*

2.93

0.221

0.015

23.3

3.0

(0.900)*

2.33

of the media to the glass. The sample thickness was about 1.0 mm (±0.1 mm) and a
spacer of 1.0 mm thickness was used. A SPF of the media was not measured. There were
also no experimental data available in the literature at the wavelengths used, so a
published g value^^^ of media at 633 nm was used instead

(^ 5 3 3

^ =0.90) to calculate a

Henyey-Greenstein SPF for the computation of the look-up table. The rest of the
experimental procedure and the data processing were identical to that described in
Section 5.2.2.
The results of these measurements are presented in Figure 5.13 and Table 5(v).
Two comments may be made on this data. Firstly, p, and p / l - g ) of the media are
considerably higher than those of the two other tissues examined. Secondly, in contrast
to the change in scattering coefficient with thermal coagulation observed in the case of
rat liver and human prostate, there is no significant change in the case of the media.
There is also no change in p^ with coagulation and, as expected, absorption is higher at
1.32 pm.

5.2.5

Remarks

There are numerous sources of systematic error in the experimental determination
of transport coefficients of tissues. Some of them have been overcome in this work by
using what is believed to be a very accurate MC inversion technique to determine p^ and
p_y from measurements of /?, and 7^. Others, mostly those concerned with the
experimental setup, have been revealed by using just this method. How difficult and
challenging the experiment is may be observed in examining the example o f the

2 .1

pm

coefficients of rat liver. It is obvious in Figure 5.11 and Table 5(iii) that the scattering
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coefficient in this case is subject to the greatest relative error of all the measurements
carried out. This is because the relatively high absorption coefficient at this wavelength
means that only small changes in the reflectance and transmittance of the sample are
observed with changes in scattering coefficient. The diffuse reflectance of the sample
at this wavelength was as low as 2%. The inversion, therefore, takes place in a highly
non-linear region where small changes in the observed

and T, lead to large changes

in |i,. Experimental uncertainties in the values of /?, and 7, are thus magnified greatly
in the resulting scattering coefficient.
The following presents some of the most important sources of error in the
experimental method and puts the experimental results presented in the preceding
sections in the context of results published in the literature, where possible.
Measurement technique. The two principal sources of systematic error in the
experimental technique are deficiencies in the measurement of /?, and T, using
integrating spheres and errors in the SPF leading to erroneous calculation o f the look-up
tables^.
Approximations were made to obtain values o f diffuse reflectance and diffuse
transmittance from the integrating sphere measurements by comparing the light intensity
when a sample was present with the light intensity when a reference was used. The
corrections used in this procedure are presented and discussed in detail in Appendix C.
Although the approximations made were reasonable and were appropriate to the
experimental design, there is still concern that some of them are simplifying the physical
situation. In particular, the relation between the collimated to diffuse reflectance and the
diffuse to diffuse reflectance may be criticized (see Equation (C-6 )). Furthermore, the
corrections do not separately take into account the fraction of scattered light which
leaves directly through the input port hole. The result is an underestimation of the
reflectance in the experiment compared to the MC calculation, which takes this fraction
into account. This may be a considerable error in the case of an optically thin sample
where the specular reflections from the tissue/glass/air interfaces opposite to the
illumination beam lead to a significant collimated re-illumination o f the sample. The
underestimation of /?, in the experiment due to the limitations in the integrating sphere

Although the MC inversion technique is a central element o f the measurement
technique it is not the objective of this work to review critically the possible
errors in this method. This has been done in the work o f van der Z ee^ .
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setup may explain the rather high absorption coefficient observed for rat liver at both
1.064 p,m and 1.32 |xm. Assuming that only water and haemoglobin contribute to the
absorption at these wavelengths, these values are 2 to 5 times higher than expected (see
Section 2.2).
Another explanation for this discrepancy may be found in errors in the SPF whose
backscattering part may be too large (see discussion in Section 5.1.4). When the MC
model calculates the look-up table using such a SPF instead o f a (only forward directed)
Henyey-Greenstein SPF, it would lead to more light being scattered back from the
sample without penetrating deeply. The MC model, therefore, would overestimate the
diffuse reflectance for a given pair of absorption and scattering coefficients and, with
the lower reflectance measured in the experiment, a higher absorption coefficient would
be found from the inversion step.
The geometrical limitations imposed by the collimated illumination and the loss
of light through the input port hole without being scattered by the integrating sphere
wall were not included in the MC inversion. The best approach to remove this source of
error would be the inclusion of this particular geometry in the MC modelling, where the
reflected and backscattered photons could be separated into those leaving the integrating
sphere immediately and those which contribute to the diffuse light intensity in the
sphere.
Sample preparation. Careful preparation o f a sample is a prerequisite to
consistent results. It was found, in particular, that the results were erroneous when (1)
the sample holder was not completely filled, resulting in gaps between the tissue and the
spacer, (2 ) the sample holder was overfilled, resulting in a sample thickness larger than
the spacer thickness, and (3) air bubbles were trapped between the glass and tissue,
resulting in errors particularly when the air bubbles were on the illuminated side. This
was a particular problem in the case of the measurements on human aorta (media) when
the sample was often a little thinner than the next available spacer. In this case, saline
was used to ensure good optical coupling. With practice and great care, it was possible
to minimize these errors by avoiding their obvious sources during the sample
preparation. However, quantification o f the effect of these errors on the calculated
transport coefficients is difficult since the MC inversion step imposes some degree of
non-linearity.
The samples were kept at 4°C as soon as they were collected to minimize
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deterioration and possible changes in the optical properties. However, little can be said
about changes in the optical properties after death. It is likely, for example, that the
absorption coefficient of the tissue decreases at 1.064 |im post mortem due to the lower
absorption of deoxygenated haemoglobin at this wavelength.

Comparison with other data. For comparison of the native rat liver data
reference is again made to Table 2(vi) where the data o f Parsa et al.*®^ is summarized.
With the exception of

at 1.064 |xm and |i, at 1.32 pm, the data obtained in this study

compares well to that obtained from this source. Parsa’s

at 1.064 pm has to be

regarded as obviously too high and may be an artefact o f the inversion model used (IDdiffusion approximation). The discrepancy between the p, at 1.32 pm is rather more
difficult to explain since the value presented here is surprisingly low. This may be the
result of both the small number of samples examined in this study and an artefact of the
measurement or inversion technique employed here. Data on thermally coagulated or
previously frozen rat liver could not be found in the literature at any of the three
wavelengths studied. A comparison is, therefore, not possible
Similarly no data on the transport coefficients of human prostate are available
from the literature. Recently, data on the transport coefficients of canine prostate at a
wavelength of 1.064 pm was published by Rastegar et al.^®^ The values derived by
them (Pg=0.037 mm %p ,(l-g)= 0.82 mm *) differ considerably from those obtained here.
The reason for this may possibly be found in the different origin of the tissue compared
to the human prostate measured in this study.
Little data is available for human aorta at these wavelengths. Transport
coefficients of porcine aorta, both native and thermally coagulated, were given by Agah
et al.*^^ (see also Table 2(v)) who found, in principle, no change in both reduced
scattering and absorption coefficients with thermal dénaturation. When the reduced
scattering coefficient is calculated, very good agreement is found with the value
presented in this work.

Conclusions. A change in scattering coefficient with thermal coagulation was
shown conclusively in the case of rat liver and human prostate at several wavelengths
in the NIR. A twofold increase compared to native tissue was observed. In contrast, the
scattering coefficient of human aorta (media) did not change significantly with thermal
dénaturation. A water bath technique was used to produce a reasonably reproducible
degree of thermal damage. The parameters for this process were chosen somewhat
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arbitrarily since it was the purpose of this study to establish the presence of the effect
and not to study its dependence on various parameters. It is likely that a different degree
o f thermal damage would lead to a different magnitude of the change in scattering
coefficient (see Section 3.3). The absorption coefficient varied little with coagulation for
all tissues at all wavelengths and some of the changes were attributed to experimental
deficiencies. Furthermore, a significantly smaller scattering coefficient was established
for rat liver which had been previously frozen compared to the native tissue. This should
be kept in mind when the preparation procedure for tissues whose optical coefficients
are going to be measured involves freezing (with the possible exception o f careful
cryogenic freezing) in order to obtain, for example, thin slices. Optical properties
obtained using such a protocol may be very different from those found in vivo.

5 .3

C o r o l l a r y : R e f r a c t iv e

in d e x o f r a t l iv e r

During the measurements of the SPF of native and coagulated tissues using the
glass cylinder, as described in Section 5.1.1, an interesting phenomenon was observed.
When the cylinder was rotated whilst observing the sample, the sample area changed
from being diffusely reflecting, an effect of single scattering, to specularly reflecting
when the angle of total internal reflection of the interface between glass and tissue was
exceeded. Some structures in the sample seemed to reach this angle earlier than others,
resulting in an angular range where the sample appeared partly opaque and partly totally
reflecting. It was also observed that the angle of total internal reflection was larger in
the case of coagulated tissue. This lead to the conclusion that the same experimental
setup used to measure the SPF may also be used to estimate the refractive index of
tissue.
Measurement procedure. A sample of rat liver was prepared as described in
Section 5.1.1 and squeezed between the two halves of the glass cylinder. With the
sample in place in the goniometer as shown in Figure 5.1, the collimated detector was
aligned for maximum intensity at the 0° position. It remained at this position during the
full course of the measurement. The sample, which was first aligned such that the laser
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beam was normally incident, was then turned through an angular range of 180° whilst
the transmitted intensity was monitored continuously. The transmittance dropped to zero
when the angle of total internal reflection was reached.
Results. The results from two measurements are shown in Figure 5.14. The
difference between the results from the native rat liver and those from the thermally
coagulated rat liver is obvious. The large angular range o f zero transmission has been
omitted in Figure 5.14 and the scale o f the horizontal axis adjusted such that the
difference between the two measurements is shown more clearly. A very simple method
of data processing was applied to both results to extract the tissue refractive index. A
3"* order polynomial was fitted to the experimental data shown in Figure 5.14. The
angular difference of the intercepts with the horizontal axis, Afr, was then used to
calculate the tissue refractive index M, with a knowledge of the refractive index of the
glass of the glass cylinder («^=1.520)
(5-9)

7%, = M ^ s i n ( 9 0 - - ^ )
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Figure 5.14: Transmitted intensity of native and thermally coagulated rat liver
versus relative angle of sample to incident light.
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A refractive index for native rat liver of «,= 1.38 was calculated, which compares well
with the value published by Bolin et al.^^°. The result for the thermally coagulated rat
liver was «,=1.42, significantly higher than in the case of native rat liver.
It is not possible to draw firm conclusions from these preliminary measurements.
Nevertheless, a change in refractive index has also been observed by Bolin et al.^^° with
the thermal coagulation of egg white. A possible origin of this effect is the higher
refractive index of the aggregates of denatured globular proteins compared to the native
egg white. When the globular proteins are finely dispersed and dissolved in water in
their native form, the refractive index is homogeneous throughout the egg white and the
refractive index may be calculated according to Equation (1-9) by taking into account
albumin concentration and the specific refractive index increment p of albumin (see
Table l(i)). The situation is different when an aggregate of denatured proteins is
considered. In this case, the single proteins are no longer dissolved in water. However,
if an aggregate is considered separately as a protein "solution", the concentration of
proteins in this aggregate is significantly higher compared to the case of the dissolved
native protein. The resulting refractive index of the aggregate, calculated according to
Equation (1-9) is then higher as well. The higher refractive index difference between the
medium and these particles leads to an increase in their scattering efficiency.

5 .4

C hapter

s u m m a r y a n d c o n c l u s io n s

This chapter has presented the results of experimental measurements of the
optical properties of a number of tissues. The SPF was determined for rat liver and for
human prostate. At the wavelengths considered (1.064 |xm and 1.32 |im) no evidence
o f a significant difference in the SPF with the state o f the tissue, either native, thermally
coagulated, or previously frozen, was observed. The resulting g values were slightly
lower than those found in the literature and did not vary much with the state of the
tissue. The largest difference was found between previously frozen rat liver, having the
largest g, and laser coagulated rat liver. Transport coefficients o f rat liver, human
prostate and human aorta (media) were experimentally determined using a novel MC
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inversion technique. The absorption coefficient was found to increase with wavelength
according to the increase in the absorption coefficient of water. It was shown that the
scattering coefficient of rat liver and human prostate increases considerably with thermal
dénaturation at all the wavelengths studied. In contrast, the scattering coefficient of the
media o f human aorta was found to stay constant during thermal dénaturation. In
general, the results from these measurements were consistent with literature data where
this was available. The values obtained in the case of the absorption coefficient are in
some cases questionably high. It was shown that certain limitations in the experimental
technique may lead to higher than expected absorption coefficients. Further
improvements to the experimental method and refinements to the MC inversion model
may be necessary to remove this error.
A hypothesis for the origins of the increase in scattering coefficient with thermal
dénaturation may now be possible by bringing together the available evidence from the
preceding chapters. The TEM studies presented in Section 3.2.3 showed evidence of a
large number of aggregates o f denatured globular proteins in the thermally damaged
samples which were not present in native samples. The diameter o f these spherical
particles was approximately 100 nm. Considering the particle size to wavelength ratio
and the high refractive index of the aggregates (see Section 5.3) Mie theory predicts a
considerable contribution of these particles to the reduced scattering coefficient as was
shown in Figure 1.1. This leads to the conclusion that the thermal coagulation of tissue
generates a new source of light scattering in tissue which is not present in native tissue,
namely aggregates of thermally denatured globular proteins. This hypothesis is
compatible with the experimental fact that no significant increase in scattering
coefficient was found in the case of the media. Scattering in this tissue is dominated by
the presence of fibrous proteins (mainly collagen) and the additional contribution from
aggregation of globular proteins with thermal dénaturation is small.
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C hapter 6

Exam ples

o f m o d e l l e d l ig h t a n d t e m p e r a t u r e

DISTRIBUTIONS IN TISSUE

"'Forty-two,’ said Deep Thought, with infinite majesty and calm.
(...) 'Forty-two!' yelled Loonquawl. 'Is that all you’ve got to show for seven
and a half million years’ work?”’

Douglas A dam s,

The Hitch-Hikers Guide to the Galaxy

In the two preceding chapters, a MC model of light transport (Chapter 4) and
measurements of the optical properties of tissues (Chapter 5) were presented and
discussed separately. The purpose of this final chapter is to make use of the
experimental results of optical properties of tissues in the model of light transport and
calculate examples of light distributions resulting from illumination geometries which
are similar to those found in clinical applications. Thus, it may be possible to reach a
conclusion on the effect of the thermally induced changes in scattering coefficient on
the heating of the tissue in these situations. Light distributions resulting from a finite
diameter, collimated laser beam illuminating the surface of a rat liver are presented in
Section 6.1 for each of the three laser wavelengths at which optical coefficients were
determined. A different illumination geometry, namely an intraurethral cylindrically
distributing light source, is used to compare light distributions within native and
thermally coagulated prostate in Section 6.2. The extended MC model which was

205

presented in Section 4.3.3 is used in Section 6.3 to show the gradual changes in light
distribution and diffuse reflectance of an increasing lesion of thermal coagulation in rat
liver. Lastly, Section 6.4 combines temperature distributions, resulting from the light
distributions as calculated by the MC model, with a model of heat transport, a FE
solution to heat diffusion in a cylindrical geometry. The cumulative effect o f a series of
laser pulses on the temperature distributions is investigated using this hybrid model. To
some extent, this last section is speculative and work in an early stage of development
is being presented. Nevertheless, the suggested method o f modelling may provide
grounds for future developments.
Before the results are presented, it has to be stressed that some caution must be
applied when conclusions are drawn from theoretically derived light and temperature
distributions, such as those presented in this chapter. It is obvious that any theoretical
model, regardless of its inherent accuracy, relies on an accurate knowledge of the optical
properties of the tissue. The results derived are, therefore, only as accurate as the
knowledge of these properties and the physical situation. Any conclusions drawn from
the results presented in this chapter are based on the assumption that the optical
coefficients determined in Chapter 5 are close to those found in clinical, i.e. in vivo,
situations. This assumption may not be rigorously correct, as was pointed out in Section
5.4 where the accuracy and validity of the experimental results of the optical coefficients
were discussed.

6 .1

C hanges

in l ig h t d is t r ib u t io n s w i t h t h e r m a l

COAGULATION OF RAT LIVER

Changes in light distributions with thermal coagulation o f rat liver were studied
at all three laser wavelengths at which optical coefficients were measured. For better
comparison, in all cases the same illumination geometry was used in the model. A 1 mm
radius, collimated laser beam illuminating the surface of the tissue was used as the light
source. The irradiance of the laser beam was constant with radius to represent a "top
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hat" laser beam profile^. The total number of photons launched in each of the
simulations was about 315,000. The program was run on SUN® Microsystems computers
(Sparc IPX). A simulation for one set o f parameters typically took between

6

and

72 hours to complete, depending on the optical properties under consideration. The
results from the MC model were normalized according to the procedure described in
Sections 4.3.1 and 4.4 and also normalized to the number of photons per unit area
launched in the model, to obtain distributions of relative radiant energy fluence rate in
the tissue. Absolute relative radiant energy fluence rates in terms of Wmm'^ or absolute
absorbed doses in terms of Jmm'^ were easily obtained from this data by scaling with
known laser parameters such as irradiance and time o f irradiation. In the following
sections, the dimensionless data is displayed as a function of radius and depth, usually
in the form of (natural) logarithmic plots of lines of equal relative radiant energy fluence
rates (isofluence rates). This form of graphical representation demonstrates most clearly
the effect of changes in optical properties on the light distributions in the tissue and
provides an easy means of comparison between native and coagulated tissue and
between the different wavelengths.

6.1.1

Changes in light distributions at 1.064 |im

The optical coefficients of rat liver at 1.064 |im and a tissue refractive index of
«,= 1.40 were used to obtain the results shown in Figure 6.1 and Figure 6.2. The
geometry in these graphs corresponds to that demonstrated in Section 4.3.1. A slice
along the central axis of the laser beam is shown. The origin of the topology plot is at
the tissue surface in the centre of the laser beam and radial symmetry was assumed. The
laser beam penetrating the tissue surface from the top can be seen clearly in these
graphs. The edge of the laser beam at r= l mm is smoothed out as the light penetrates
deeper into the tissue. This is the obvious result of light scattering. It is also noticeable
that the isofluence rates at great depth and large radius are subject to significant

t

The effect of laser beam diameter and laser beam profile is not presented in this
section. However, the changes in relative radiant energy fluence rate with the
diameter of a gaussian beam were investigated earlier using optical properties of
bovine liver and were reported elsewhere*^^. A comparison between the relative
radiant energy fluence rates resulting from top hat, super-gaussian and gaussian
beam profiles was presented at the same time.
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Figure 6.1: Topology plot of relative radiant energy fluence rate in native rat liver.
A top hat profile, 1.064 p.m laser beam of 1 mm diameter is illuminating the tissue
surface.
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Figure 6.2: Topology plot of relative radiant energy fluence rate in thermally
coagulated rat liver. A top hat profile, 1.064 |Lim laser beam o f 1 mm diameter is
illuminating the tissue surface.
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statistical noise. This originates from a smaller number of photons reaching these areas
leading to a larger standard error of the results. It can be recognised that the isofluence
rates in these areas are approximately perpendicular to a line drawn from the centre of
the laser beam to the location of the isofluence rate line. This characterizes the area of
diffuse light propagation.
A number of observations may be made when the results of native and thermally
coagulated rat liver are compared. Firstly, the edge of the laser beam penetrating the
thermally coagulated tissue, shown in Figure 6.2, is smoothed out more rapidly than in
the case of the native rat liver. Secondly, the light is attenuated more rapidly along the
central axis of the laser beam. Thirdly, the relative radiant energy fluence rates close to
the illuminating laser beam are higher in the case of thermally coagulated tissue.
Fourthly, the distance between two isofluence rates in the region of diffuse penetration
are slightly larger in the case of native liver. These observations are primarily the result
of the higher scattering coefficient of the thermally coagulated tissue. This leads to a
more rapid attenuation of the collimated light (predominantely due to scattering), and
hence a quicker loss of collimation which is made evident by the disappearance of the
sharp edge of the laser beam in the tissue. The change in distance between two
isofluence rates can be explained by a smaller penetration depth in the case of the
coagulated tissue. The penetration depth Ô is defined as V(D/|i^), where D is the
diffusion constant which was defined in Section 1.3.2. 5 is 1.65 mm in the case of
native and 1.53 mm in the case of thermally coagulated rat liver.
A direct comparison of the thermal effect between native and thermally
coagulated rat liver is possible using Figure 6.3, where the absorbed dose along the
central axis within a radius of 0.5 mm of the centre o f the laser beam is plotted versus
depth. The absorbed dose in the native tissue is larger than that in the thermally
coagulated tissue. This is due to the higher absorption coefficient and smaller albedo of
the native rat liver. It is clear from this data that less energy is deposited deep in the
thermally coagulated tissue. Hence, the distributed heat source generated by the
illuminating laser light, although extending slightly more in the radial direction, is
confined to smaller depths.
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Figure 6.3: Comparison of the relative absorbed dose at r=0 as a function of
depth z between native and thermally coagulated rat liver at 1.064 pm.
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.1

.2

Changes in light distributions at 1.32 pm

What has been described in the case of 1.064 pm light may be observed similarly
at 1.32 pm, the second NdrYAG wavelength studied. The results of the MC calculations
using the optical coefficients of rat liver at 1.32 pm are shown in Figure 6.4 and
Figure 6.5. It is obvious that the change in light distributions with thermal coagulation
is more significant at this wavelength. In the case o f native tissue, shown in Figure 6.4,
absorption of light dominates the light transport and scattering has little effect. This is
evident from the sharp edge of the laser beam, which is preserved to a significant depth,
and the small relative radiant energy fluence rates found at a radius larger than the laser
beam radius. The exceptionally small scattering coefficient of native rat liver at 1.32 pm
(see Table 5(iii)) is responsible for this effect. The difference to the case o f thermally
coagulated tissue at the same wavelength, shown in Figure 6.5, is obvious. In this graph,
scattering dominates the light transport again and the familiar pattern o f isofluence rates,
observed previously in the case of 1.064 pm light, can be seen. However, due to the
much reduced penetration depth (0=0.60 mm), the distance between two isofluence rates
is smaller and the relative radiant energy fluence rates at large distances from the source
are significantly smaller than those observed in the case o f 1.064 pm light.
The change in absorbed dose at 1.32 pm as a function of depth with thermal
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Figure 6.4: Topology plot of relative radiant energy fluence rate in native rat
liver. A top hat profile, 1.32 p,m laser beam o f 1 mm diameter is illuminating the
tissue surface.
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Figure 6.5: Topology plot of relative radiant energy fluence rate in thermally
coagulated rat liver. A top hat profile, 1.32 p,m laser beam o f 1 mm diameter is
illuminating the tissue surface.
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Figure 6 .6 : Comparison of the relative absorbed dose at r=0 as a function of
depth z between native and thermally coagulated rat liver at 1.32 pm.

coagulation is shown in Figure 6 .6 . At greater depth, the absorbed dose in native tissue
is larger compared to that in thermally coagulated tissue. In contrast, closer to the
surface, the absorbed dose is larger in the case of thermally coagulated tissue. The net
effect is similar, but may be more significant than that already observed at 1.064 pm.
More heat is deposited closer to the surface of the tissue when the tissue is coagulated.
Again, the distributed heat source resulting from the illumination is then confined to
smaller depths.

6.1.3

Changes in light distributions at 2.1 pm

As expected, the results from modelling the light distributions using the optical
coefficients of rat liver for 2.1 pm HoiYAG laser light are very different to those
obtained at the Nd:YAG wavelengths. In fact, the incident light is attenuated strongly
within the very first millimetre of tissue. Due to the small relative radiant energy fluence
rates at large depth and radius, smaller limits of the axes were chosen in Figure 6.7 and
Figure

6

. 8 . When comparing the topology plots directly, note that these two figures

show only a fraction (2x2 mm^) of the slice shown in the previous figures. The data
outside this smaller slice is strongly affected by statistical noise since very few photons
penetrate to this depth due to the high absorption coefficient at this wavelength. Only
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Figure 6.7: Topology plot of relative radiant energy fluence rate in native rat
liver. A top hat profile, 2.1 }im laser beam of 1 mm diameter is illuminating the
tissue surface.
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Figure 6.8: Topology plot of relative radiant energy fluence rate in thermally
coagulated rat liver. A top hat profile, 2.1 fxm laser beam of 1 mm diameter is
illuminating the tissue surface.
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slight differences can be found between the native tissue, shown in Figure 6.7, and
thermally coagulated tissue, shown in Figure 6 .8 .
When the absorbed dose along the central axis of the laser beam is compared,
as is done in Figure 6.9, it becomes clear that there is virtually no difference between
the two situations. Furthermore, the absorbed dose may equally well be calculated from
the absorption coefficient only, by applying the Lambert-Bouguer law of absorption.
Data based on this law is also included in Figure 6.9, where the measured tissue
absorption coefficient was used to calculate the absorbed dose according to this
exponential law. The very good agreement is obvious. Hence, despite the very short
calculation times needed in these situations, MC modelling at this wavelength to obtain
relative radiant energy fluence rates within the tissue is simply a waste o f time.
However, the additional data obtained during modelling these two examples showed that
there is, indeed, a significant increase in reflectance with the increase in scattering
coefficient. The total reflectance increased slightly from 3.05% in the case of native
tissue to 3.25% in the case of thermally coagulated tissue. The absolute reflectance
values are small because the absorption coefficient is relatively high. However, the
increase in reflectance observed experimentally during ablation^^ was considerably larger
than the values found by the model. This may be due to additional light scattering from
plume, but is not believed to be a direct result of a change in the scattering coefficient
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Figure 6.9: Comparison of the relative absorbed dose at r= 0 as a function of
depth z between native and thermally coagulated rat liver at
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2 .1

pm.

as originally suggested.

6.1.4

Comparison of wavelengths

Finally, it is of interest to directly compare the results obtained from the
preceding sections in a single graph. Figure 6 .10 provides the basis for this comparison.
Only the absorbed doses in the case of native tissue are shown. It is obvious that close
to the surface, the absorbed dose and hence the resulting temperatures are higher at
1.32 |xm compared to 1.064 |im and are very much higher at 2.1 pm. 1.32 pm provides
an energy deposition rate three times higher than 1.064 pm and still extends to a
considerable depth. This explains the finding^*^*^ that the experimentally observed
necrosis depth is higher at 1.32 pm than at 1.064 pm when the same irradiance is used.
It is also obvious that 2.1 pm cannot efficiently heat areas in the tissue which are deeper
than 1 mm. The resulting temperature distributions are confined to this surface layer and
only heat conduction may lead to thermal damage of deep tissue layers. Nevertheless,
since the radiant energy is absorbed in a rather small volume, temperatures are reached
which are high enough to vaporize tissue. Hence, this wavelength may be used for tissue
removal more efficiently than the two NdrYAG wavelengths. This has been confirmed
by

numerous

theoretical^*®,

experimental^*^'^**'^^ and

clinical^^

o
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investigations.

1.064 fim
1.32 /im

N
?

0.5
• • • • • .............
- OOOOOOOOOOOO

0.0

0.0

2

,? * * ****** ***#***##

o o O O O OO O o o

0.5
z

1.0
[mm]

1.5

2.0

Figure 6.10: Comparison of the relative absorbed dose at r=0 as a function of
depth z for native rat liver at 1.064 pm, 1.32 pm, and 2.1 pm.
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It has also been observed experimentally that the high absorption leads to the formation
of transient cavities^’^ ("bubbles") during the laser pulse in both water and tissue.
These result in a deformation of the tissue surface and may also explain in part the
surprisingly large reflectance measured during Ho:YAG laser ablation^^ discussed in
Section 6.1.3.

6

. 2

C h a n g e s in l i g h t d i s t r i b u t i o n s w i t h t h e r m a l
COAGULATION OF HUMAN PROSTATE

Intraluminal photocoagulation of the prostate is currently being evaluated as a
promising treatment of benign prostatic hyperplasia and hypertrophy^’^. A cylindrical,
transurethral illumination of the prostate may be applied for this purpose by using an
optical fibre and a cylindrically distributing fibre tip. This illumination geometry is
different to that studied so far in this work and may be applicable to the modelling of
laser balloon angioplasty^’^ as well. Using the experimentally determined optical
properties of human prostate, this geometry was approximated in the

MC

model by a

cylindrical distributor of 0.4 mm diameter and 4 mm length which may resemble an
etched tip of an optical fibre. Photons were launched in a radial direction from the
distributor. The results from the calculations using the optical coefficients of native
human prostate are shown in Figure 6.11, and those using the optical coefficients of
thermally coagulated human prostate are shown in Figure 6.12. As in the previous
topology plots of logarithmic isofluence rates, a slice along the central axis of the
cylindrical model geometry is shown. The origin of the topology plot is along the central
axis of the distributor and halfway between the distributor ends. Note the different sizes
of the axes used in Figure 6.11 and Figure 6.12 compared to those used in the previous
examples. The location and size of the cylindrical distributor is obvious. In both cases,
the shape of the isofluence rates approximately consists of concentric spheres around the
origin of the coordinate system. Only within a distance of 2 mm from the distributor is
this pattern disturbed by the proximity of the light source. In the case of thermally
coagulated tissue, higher relative radiant energy fluence rates are found both close to the
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Figure 6.11: Topology plot of relative radiant energy fluence rate in native
human prostate. A cylindrical fibre distributor of 4 mm length is interstitially
illuminating the tissue with 1.064 |im light.
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Figure 6.12: Topology plot of relative radiant energy fluence rate in thermally
coagulated human prostate. A cylindrical fibre distributor is interstitially
illuminating the tissue with 1.064 pm light.
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Figure 6.13: Comparison of the relative absorbed dose at z=0 as a function of
radius r between native and thermally coagulated human prostate at 1.064 |i.m.

distributor and at larger radii. This is despite the increase in scattering coefficient. The
reason for this is the smaller absorption coefficient measured in the case o f thermally
coagulated prostate.
The diffusion of light in a cylindrical geometry can be studied along the central
plane at z=0 in Figure 6.11 and Figure 6.12. The absorbed dose along this plane as a
function of radius is shown in Figure 6.13. It is obvious that there is little difference
between the absorbed doses in native and thermally coagulated prostate. If at all, the
lower absorption coefficient of the thermally coagulated tissue leads to a reduction in
absorbed dose close to the distributor. In both cases, the absorbed dose falls off very
rapidly with radius which indicates that the heat source generated by the laser light may
not reach very deeply into the tissue.

6 .3

C hanges

in l ig h t d is t r ib u t io n s a n d r e f l e c t a n c e w it h

INCREASING COAGULATION VOLUME

The last example of light distributions, presented here, was derived from the
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Figure 6.14: Size and location of the set o f spheres of coagulated tissue
embedded in native tissue.

extended geometry of the MC model with a spherical volume of coagulated tissue
embedded in the bulk of the native tissue. The particular geometries used are shown in
Figure 6.14. The size and location of the spheres was chosen such that a range of
thermally damaged volumes was modelled whose shape and size closely resembled those
of volumes of thermally coagulated tissue observed experimentally. Using optical
coefficients of native and thermally coagulated rat liver*“ at 1.064 |xm, the MC model
was applied to each of the seven different geometries shown in Figure 6.14. Three
selected results (C l, 0 3 and 07) of the MC calculations are shown in Figure 6.15,
Figure 6.16 and Figure 6.17. It is obvious from these examples that the pattern of
isofluence rates changes gradually. From a pattern which is close to that observed in the
case o f the native tissue (see Figure 6.1) it changes to a pattern which is closer to that
observed in the case of the thermally damaged tissue (see Figure 6.2). This is true for
the isofluence rates observed within the volume of the embedded sphere. Outside the
sphere, the pattern is noticably different. An interesting phenomenon may be observed
in Figure 6.17. The distance between two isofluence rates becomes larger when the
diffuse light penetrates the native tissue. This is an obvious effect of the larger diffusion
length in the native tissue. When Figure 6.17 is carefully inspected, the size and location
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Figure 6.15: Topology plot of relative radiant energy fluence rate o f 1.064 |im
light in partly coagulated rat liver (C l, Figure 6.14).
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Figure 6.16: Topology plot of relative radiant energy fluence rate of 1.064 pm
light in partly coagulated rat liver (C3, Figure 6.14).
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Figure 6.17: Topology plot of relative radiant energy fluence rate of 1.064 pm
light in partly coagulated rat liver (07, Figure 6.14).

220

250

e 200
V

I 150
"o
>
T3
100

50

0.30

0.35

0.40
R

0.45

s

Figure 6.18: Volume of coagulated tissue versus total diffuse reflection.

of the embedded sphere can be determined from the shape and the change in the density
of isofluence rates.
Using the reflectance data from this set of simulations, it can be demonstrated
why attempts to utilize reflectance as a means to measure the extent o f the thermal
damage^"*^'^"*^ have not been completely successful in the past. In Figure 6.18, the
coagulated volume is plotted as a function of the observable reflectance. First, there is
little change in coagulated volume with increasing reflectance. Then, the coagulated
volume increases very rapidly with reflectance. This explains why most publications
investigating this possibility of sensing the progress of laser coagulation by means of
reflectance measurements have found that the reflectance is more sensitive to the
measurement of lesion diameter than to the measurement of coagulation depth or
volume^'*^. This applies also to more recent attempts which employ sophisticated CCD
camera technology and imaging techniques^'*^’^^. These are mostly confined to the
more simple geometry found in the retina*"*^ which may be regarded as a thin, low
absorbing layer of tissue on top of a layer having a high absorption coefficient.
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6 .4

H y b r id m o d e l o f t h e r m a l c o a g u l a t i o n

So far, a significant change in absorbed dose with thermal coagulation was found
in the case of rat liver at the two Nd:YAG wavelengths (see, for example. Figure 6.3
and Figure 6 .6 ). As a result, the distribution of the heat source in the tissue is changed
considerably with thermal coagulation and is confined to a smaller volume of tissue
close to the tissue surface. The heat generation in the tissue due to absorbed laser light,
however, is only half the story. Before a judgement can be reached as to whether the
changes in the distribution in the heat source have an impact on the outcome of the
thermal interaction, in particular the size of the coagulated volume, the thermal diffusion
of heat has to be included in the model description. This is established by using a FE
solution to the heat transport equation in a cylindrical geometry which matches the
geometry used by the MC model. It is not intended to give a complete description of the
FE model used since FE approximations to differential equations are a standard tool in

many areas of mechanical engineering and physical modelling, and a variety of
textbooks^” ’^^’^^’^^* offer an introduction to the general concept o f FE. Thus, the
following discussion is restricted to a description of the geometry and the parameters
used. Complete computer programs providing readily available solutions and geometries
for engineering problems, or software packages comprising the required basic
computation routines are available. The latter type requires some degree of software
development but provides considerably more flexibility and adaptability to various
physical problems and hence was used in this work^^.

6.4.1

Finite element model of heat transport

The geometry used in the FE model is essentially identical to that used in the MC
model shown in Figure 4.3. In principle, the spacing and the location o f nodes in the FE
model may be chosen to be the same as those given by the locations o f the scoring array
in the MC model described in Sections 4.4.1 and 4.4.2. However, the size o f the nodal
array was restricted to 50x50 by the size o f the available computer memory. A further
reduction (by half) in the effective resolution of the tissue volume modelled, compared
to that used in the MC model, was necessary to include a larger tissue volume. This
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volume includes areas beyond those directly heated significantly by the laser light and
which may undergo a temperature increase due to heat conduction. The FE model
provides the solution to the time dependent heat diffusion equation (bioheat equation,
see Equation (1-16)) in a cylindrical geometry. In this case, the approximation was made
that the term considering the effect of convective cooling due to blood flow L(r)=0 ,
instead an effective thermal diffusivity a=0.260 mm'^ was used (see Table l(ii)). For
verification, the results from the FE model were compared to results obtained from
analytical solutions to Equation (1-16). For both an infinite slab and an infinite cylinder
perfect agreement was achieved when the temporal step size o f the FE solution^ was
chosen sufficiently small. The step size resulting from these verification studies
(Af<0.001 s in the case of a=0.260 mm*^) was subsequently used in the tissue
simulations. Linear shape functions were chosen for inteipolation between the nodes
within an element.
The source term in Equation (1-16) was given by light distributions calculated
using the MC model. These are used to calculate distributions of temperature increase
following a short laser pulse such as produced by fixed Q solid state lasers. Within the
FE model, the duration of a laser pulse was assumed to be infinitesimally small. This is

a reasonable assumption considering that the heat diffusion from a large volume such
as heated by Nd:YAG laser light is negligible over the duration o f a laser pulse of
typically 300 ps length. Furthermore, the temporal stepsize of the FE calculations was
usually larger than this laser pulse length. From the given distributions of temperature
increase, the accumulation of heat during a series of laser pulses was studied. The
temperature distributions were restricted to a maximum temperature of 1(X)°C, the
temperature at which water starts boiling. Energy deposition beyond this upper limit was
assumed not to increase temperatures further but to lead to an increase in latent heat
which, when exceeding the heat of evaporation (again, the heat of evaporation o f water
was chosen as a first approximation to that of tissue), results in the ablation of tissue.
At this point, the simulation was stopped.

The step in time within the FE model was in fact realized using a finite
difference method^^.
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Figure 6.19: Accumulation of heat in native rat liver during 5 short laser
pulses (1 J, 10 Hz, 1.064 |im) and subsequent heat diffusion. See text for
details.
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6.4.2

Heat accumulation during multiple laser pulses and subsequent cooling

Figure 6.19 shows the results from the calculation of heat accumulation during
five consecutive laser pulses of 1 J pulse energy in native rat liver. The images are
colour coded (black corresponds to the normal tissue temperature, set to 37°C, and white
corresponds to 1(X)°C) to give a qualitative impression o f the heat accumulation. The
modelling starts at the bottom row in which the left image is the temperature distribution
resulting from the first laser pulse at time f= 0 , calculated from the light distributions
shown in Figure 6.1, using the MC model. The four subsequent images in this row show
the thermal diffusion in time intervals of 20 ms. The next laser pulse (shown in the left
image in the second row from the bottom) follows at f =

1 0 0

ms representing a repetition

rate of 10 Hz. Subsequent cooling is shown in the next four images in this row. The
fifth laser pulse at r=400 ms is the last in this example and the succeeding images show
the thermal diffusion up to r=1.78 s. The maximum temperatures reached during this
example were about 70°C. It is obvious that the thermal relaxation of the tissue after the
accumulation of heat from five laser pulses takes a considerable time. At r=1.8 s the
tissue is still considerably warmer than after the first laser pulse at r=0. This is due to
the rather large volume heated by the Nd:YAG laser leading to a long thermal relaxation
time. This has been confirmed before both by experimental observations^®® and
theoretical considerations^®^

6.4.3

Comparison of heat accumulation in native and coagulated tissue

The same parameters and geometries were used in Figure 6.20 to compare the
heat accumulation during a series of laser pulses in native and coagulated tissue. The
light distributions shown in Figure 6.1 and Figure 6.2 respectively, given by the MC
model were used. The two examples are arranged in one figure such that direct
comparison is possible. A difference between the two examples is visible but may not
be significant. The temperatures accumulated in the case of the coagulated tissue are
slightly less deeply penetrating than in the case of the native tissue.
A summary of the two examples was obtained by calculating the accumulated
damage in the tissue according to the rate process equation discussed in Section 3.1.3.
This is shown in Figure 6.21, where in the form of a topology plot, the progressing front
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Figure 6.20: Accumulation of heat in (a) native and (b) thermally coagulated
rat liver during a series of short laser pulses (1 J, 10 Hz, 1.064 pm). See text
for details.
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Figure 6.21: Temporal progress of damage accumulated in the tissue in the case
of (a) optical coefficients of native rat liver and (b) optical coefficients of
thermally coagulated rat liver. See text for details.

of change in scattering coefficient is shown as a function of time. Note that in contrast
to the previous topology plots these lines represent times (in seconds) at which the value
for the accumulated thermal damage calculated using the rate process integral exceeded
unity in the enclosed tissue volume. The experimentally determined rate process
coefficients (see Section 3.3.3) were used in the calculation of these data. Little
difference may be noticed between the results from the native tissue (Figure 6.21(a)) and
the results from the thermally damaged tissue (Figure 6.2l(b))^. As expected, since the
distributed heat source extends more deeply into the tissue in the case o f the native rat
liver, the accumulated thermal damage extends more deeply as well. This result indicates
that there may indeed be a small reduction in coagulation depth resulting from the
change in scattering coefficient with progression of the lesion size. However, the results
presented here were obtained using the largest difference in scattering coefficient
possible, that between native and completely thermally damaged tissue. This may lead
to an overestimation of the effect since the light distributions change gradually with

Obviously, it does not make sense to calculate the progress o f "thermal damage"
in "thermally damaged" tissue. However, it was shown in Section 6.3 that the
light distributions are gradually changing from native to thermally coagulated
tissue. The largest difference in light distributions is found when the tissue is
fully coagulated. Thus, when comparing the resulting temperature distributions,
the largest expected difference arises from the comparison o f the fully coagulated
tissue with the native tissue.
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increasing lesion size as has been demonstrated in Section 6.3.
A reminder as to what was said about the rate process coefficients in Section
3.3.3 may also be necessary at this point. In the interpretation of this data it has to be
stressed that the results shown in Figure 6.21 are not necessarily identical to the thermal
damage generated in in vivo situations, since the experimentally determined rate process
parameters were rather a description of the speed with which the scattering of the tissue
changes. Irreversible damage may occur at an earlier stage than that, and there may be
little difference in the two situations shown in Figure 6.21.

6 .5

C h apter

s u m m a r y a n d c o n c l u s io n s

The modelling of light and temperature distributions in tissues resulting from
various, realistic illumination geometries has been presented in this chapter. Use was
made of the MC model which was presented in Chapter 4 to calculate light distributions
resulting from experimentally determined optical coefficients given in Chapter 5.
Light distributions. In the case of a collimated illumination geometry, it was
found that the light penetrates less deeply when the tissue is thermally damaged, with
the exception of the

2 . 1

|xm wavelength where absorption dominates such that the

Lambert-Bouguer law is perfectly adequate to describe the light attenuation in the tissue.
In the case of human prostate, where a radial illumination geometry was used, the
opposite was found. Light penetrates further in the case of thermally damaged prostate.
This was identified as a result both of the illumination geometry and the smaller
absorption coefficient of the coagulated prostate. A remarkable result of these
investigations was the relatively low penetration of the light from the radially
distributing source. This is the additional effect o f the 1/r reduction in relative radiant
energy fluence rates with radius due to the cylindrical illumination geometry.
Temperature distributions. The absolute magnitude of a temperature increase
generated by a short laser pulse in the tissue as calculated by the MC model is subject
to large errors. Chapter 5 discussed the accuracy of the experimentally determined
optical properties in detail and pointed out where errors in the absolute values of the
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optical properties are likely. In principle, any error in the absorption coefficient is
reflected directly in an error in the temperature rise resulting from a given energy
delivered, whereas any error in the scattering coefficient may be less significant for the
temperature distribution. To escape this obvious problem here, the presentation of
absolute values of temperature has been avoided in the examples presented, as much as
this was possible. However, when the thermal diffusion and the accumulation of thermal
damage within the tissue were modelled, the use o f absolute temperature values was
inevitable. The reader is asked to keep this in mind when interpreting the results, in
particular those from Section 6.4, and when drawing conclusions from them. The results
presented in that Section are not intended to present firm quantitative evidence but
should rather be seen as the implementation of the basic idea of thermal modelling using
a hybrid MC/FE model which is still under development. Hence, despite the fact that the
results in Section 6.4 suggest that there is little influence of the change in light
distributions on the therapeutic result, it is far too early to reach a firm conclusion on
this matter.
Improvements to the model. Besides the urgent need for a yet more accurate
determination of the optical properties of tissues, there are several possible
improvements to the model.
•

For several reasons, the effective spatial resolution of the FE model was crude.
In the results presented here, it was restricted to 1/4 of the resolution o f the MC
results. A significant improvement to the results can be obtained when a non
linear spacing is employed for both the MC and FE model. Increasingly large
steps with distance from the origin as was suggested by Gardner^’ may be used
for that purpose.

•

The FE model used was based on a simple approximation of the bioheat equation,
ignoring the exact treatment of convective cooling due to blood flow. However,
the great advantage of the FE model is that it may easily include this term and,
to achieve an even closer matching to the in vivo situation, may include the
change of this term according to a change in blood flow with time during the
course of thermal coagulation.

•

The model provides the possibility of treating the temperature gradient in the
tissue more accurately than most analytical models do by restricting the
maximum temperature to that at which vaporization occurs and treating latent
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heat separately. The chosen water boiling equivalent o f 100°C is only a first
approximation. When the tissue desiccates during prolonged irradiation, the
maximum temperature may be considerably higher than 100°C. However, this
effect could be easily included in the modelling process. This may be used to
analyze

more

closely

recent

experimental

findings

from

interstitial

photocoagulation where larger lesion sizes were obtained when either metal fibre
tips were used or charred tissue was generated^®^’^®^.
•

There are, of course, some restrictions inherent in the model which are mainly
concerned with computing hardware restrictions and may not be improved easily.
Whereas the usefulness of the MC model is restricted by the long computing time
required to obtain results, the FE model is seriously limited by the available
computer memory and, since a large amount of data is produced in each
simulation, by the available data storage space. Each of the examples presented
in Section 6.4, for example, required about 20 Mbyte o f space. Each of these
restrictions are getting gradually less important as faster computing hardware, for
example, in the form of parallel processing computers, and cheaper data storage,
for example, in the form of optical disk drives, are becoming more easily
available.

•

A further methodological restriction o f the hybrid model which requires
improvement is the difficulty in including the changes in optical coefficients into
the modelling process. Section 6.3 presented the principle which may be used in
the current design of the model to obtain light distributions resulting from a
progressing lesion size. As it stands, for each lesion size, a new MC simulation
would be required. Because of the long computing time required for each
modelled light distribution this is just impracticable. In a similar approach where
a MC model was linked with a FE solution to the heat transport^®^ it was
suggested that a linearly changing scattering and absorption coefficient with
temperature may be used. However, it was not demonstrated how this may be
included in the MC simulation of the light transport when the change in optical
properties is confined to a limited lesion volume. A more practical approach
would be the calculation of light distributions using linear expansion methods for
the solution of the equation of radiative transfer which would allow the direct
combination of the light and heat transport models. This would allow the spatial
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distribution of the optical coefficients to change during the modelling process as
a function of the accumulated damage if a numerical solution using a FE model
is employed.

Finally, the results from the model presented here must be compared to
experimental measurements of temperature in tissue, both in in vitro and in in vivo
situations, to obtain a verification. Thermocouple probes have been used frequently for
such measurements^®®. However, there is an inherent error in the probes disturbing the
light and temperature distributions. A much more elegant approach which may prove to
be the (expensive) future way of monitoring the progress o f interstitial laser
photocoagulation during clinical applications is the imaging of the tissue by means of
NMR. Several approaches are currently under investigation. The most promising
technique makes use of the temperature dependence of the

and Tj relaxation times

in proton NMR imaging^®^. The use of gadolinium-based contrast enhancement o f T^weighted spin-echo images may give a very accurate measure of the actual lesion
size^®^ immediately after a thermal insult in the brain. In addition,

NMR

spectroscopy may be used to measure changes in the ratio of p-nucleoside triphosphate
to inorganic phosphate and pH following hyperthermia of tumours as a marker of
thermal damage to the tissue^®^.
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C o n c l u d in g

rem arks

"Wir haben (...) das Land des reinen Verstandes nicht allein durchreist, und
jeden Teil davon sorgfdltig in Augenschein genommen, sondern es auch
durchmessen, und jedem Dinge airf demselben seine Stelle bestimmt. Dieses
Land aber ist eine Insel und durch die Natur selbst in unveranderlichen
Grenzen eingeschlossen. Es ist das Land der Wahrheit (ein reizender Name),
wngeben von einem weiten und stürmischen Ozeane, dem eigentlichen Sitz des
Scheins, wo manche Nebelbank, und manches bald wegschmilzende Eis neue
Lander liigt, und indem es den auf Entdeckungen herumschwarmenden
Seefahrer unaufhorlich mit leeren Hoffnungen tauscht, ihn in Abenteuer
verflechtet, von denen er niemals ablassen, und sie doch auch rdemals zu Ende
bringen kann^°^."
Im m anuel K a n t , Kritik der reinen Vernunft

This project set out to develop a computer simulation of the thermal interaction
of laser light with tissue. With this rather straightforward project outline in mind, it soon
became clear that it would be of paramount importance to gain a detailed understanding
of how the optical coefficients of tissues change with thermal coagulation. This
additional field of research was welcomed as an exciting and worthwhile topic for study.
Hence, emphasis changed to include more experimental work until the effect was
quantified and a likely origin was identified. The even more challenging questions
remained as to how this effect might be included in the modelling o f the thermal
interaction and whether it would be of any real consequence in clinical situations.
Considering the time scale of the project, only the surface o f the last two
questions could be scratched at. A hybrid model of laser coagulation was suggested and
evaluated as a possible means of reaching a conclusion. The model was based on a
Monte Carlo simulation of the light transport and a finite element solution to the heat
transport equation in combination with a rate process description o f the thermal damage.
The few results showed that there may, indeed, be an influence o f the changing optical
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properties on the temperature distributions. For some tissues and illumination
geometries, it can be predicted that heating becomes more superficial as coagulation
progresses and that the extent of the lesion may be reduced in depth. It was found,
however, that the numerical model consumed a prohibitively large amount of computing
time such that only a few geometries could be analyzed. Unless faster computing
facilities are available, the suggested model does not provide a feasible means of
analyzing the effect of various illumination geometries and laser parameters. A
significant improvement to the current design of the model would be the use o f a finite
element solution to the diffusion equation of light transport which could reduce
computing time greatly and would offer the possibility of including in the model a
continuous change in the optical coefficients.
The change in optical properties with thermal coagulation was quantified for
three different tissues at wavelengths in the near infrared (1.064 pm, 1.32 pm and
2.1 pm). Rat liver was chosen as a model tissue both to establish the experimental
technique and to demonstrate the effect of changing optical coefficients. A twofold
increase in the scattering coefficient with thermal coagulation was the most remarkable
change observed. A similar increase in the scattering coefficient was found in the case
o f human prostate whereas no significant change was found in the case of human aorta.
The origin of the increase in scattering coefficient is believed to be the presence of
aggregates of denatured globular proteins in the thermally damaged tissue. Transmission
electron microscopy, which was carried out on laser irradiated rat liver, supports this
reasoning. It is hypothesized that these particles, which are about 100 nm in diameter,
have a relatively high refractive index and hence efficiently scatter light at near infrared
wavelengths. Since the electron microscopy facilities were only available for a short
period of time, this study was restricted to examination of the livers of only two
animals. Controlled studies on a larger number of animals is necessary to obtain
statistically valid results and reach firm conclusions on the origins of this effect.
The use of the measurement of changes in the scattering coefficient during
thermal coagulation has been investigated as a means of studying the kinetics of this
process. By describing it as a first order rate reaction, it was possible to derive reaction
rate constants from experimental measurements o f the change in the scattering
coefficient o f homogenized rat liver as a function of time and temperature. The rate
reaction parameters were compared to literature data for various proteins, bacteria and
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higher organisms. In terms of a compensation law excellent agreement was shown. It
was found that a simple first order rate reaction did not always describe the course of
the experimental observations well. A description incorporating two simultaneous
reactions be more accurate. Whatever, this more complex description would be
unnecessarily complicated in the case of temperatures reached during photocoagulation
but may be important in the case of the lower temperatures used in hyperthermia. To
this end, the experimental technique presented to observe the coagulation process may
provide the grounds for further investigations.
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A p p e n d ix A

T r a n s ie n t

recorder

A transient recorder was designed and constructed for the data acquisition of all
the experimental work presented in this thesis. The specification of the system is listed
in Table A(i). With an acquisition rate of

million samples per second (Msps), the

8

temporal resolution was adequately high to resolve the temporal shape o f a fixed Q laser
pulse emitted by the solid state laser which was used as the light source. The vertical
resolution of 12 Bits was also sufficient. A photograph of the complete data acquisition
system is shown in Figure A .l, including the 3 single channel transient recorders, a dual

Table A(i): Specifications of the data acquisition system developed during the
course of the work presented in this thesis.
Maximal acquisition rate

8 Msps

Vertical resolution

0.122 mV
(range: ±2.5 V)
0.081 mV/bit
(range: ±0.167 V)

Memory depth

262144 words
(917504 words possible)

External inputs

clock for acquisition rate
start trigger
stop trigger
analog input
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channel counter for temporal gating,

2

stepper motor controls, a trigger unit and an

interface card to a PC (from left to right). The modular design of the system was based
on units which were available from previous work^^.
The integrated circuit on which the design of the transient recorder was based
is a dual-range high-speed analog-to-digital converter (THC1200, TRW LSI Products
Inc., La Jolla) with a conversion rate of up to

8

Msps, an analog input range of ±2.5 V

or ±0.167 V, and TTL-compatible digital input and three-state outputs. The signal to
noise ratio at

8

Msps is 62 dB at 2.5 MHz input. The electronic development work

comprised the design of a digital circuit to provide an interface to the PC for control and
data transfer, a digital circuit for the internal handling and timing of the signals
necessary for the converter and the attached memory board, and an analog circuit
consisting of four input amplifiers of different gain and an analog switch for signal
conditioning and gain adjustment. Each of the input amplifiers was equipped with a
manual offset adjustment accessible through the front panel of the transient recorder.
However, the adjustment was only required to null small offset voltages (±50 mV).
A circuit diagram of the digital control circuit is shown in Figure A.2. Three
fundamental parts of this circuit may be identified according to their function. To the
left is the interface to the PC with data line drivers and external address and internal

Figure A .l: Photograph of the data acquisition system developed for the
experimental work presented in this thesis.
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Figure A.2: Circuit diagram o f the control PCB o f the transient recorder.
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function selection. To the right is the signal conditioning and timing o f internal and
external signals (from BNC input connectors). To the bottom, the data and address
handling o f the memory board may be seen. Three synchronous,

8

Bit counters provide

addresses for up to 2^° data points in the attached memory board. Static 1 Mbit CMOS
random access memory integrated circuits, organized in 131072 words by

8

bits, were

used in the design. A software driver providing macro routines for the complete circuit
was developed in TURBO PASCAL® to control the functions, write data to the counters
and read data from memory. These provide, together with the routines available for the
other components o f the electronic design such as stepper motor control and counter, an
easy means o f software development in the event o f future data acquisition problems.
The transient recorder unit consists o f three printed circuit boards (PCB) which
are stacked to a sandwich and interconnected by ribbon cable. This internal connection
is required in addition to the external data bus on the rear since the large number of
internal address and data lines necessary could not possibly fit into the 64 bit external
data bus. The digital control PCB is placed between the memory PCB and the analog PCB
which is situated on top of the device. The reason for this was the need to attach the AD
converter integrated circuit to a large heat sink due to its high power dissipation o f about
12 W. Three o f these units were built for use in the simultaneous measurement of
sample reflectance and transmittance and intensity reference in the integrating sphere
setup described in Appendix C. In principle, this would allow the simultaneous
determination o f reflectance and transmittance o f a slab o f tissue during thermal
coagulation.
The operating principle for the capture o f a transient from a laser pulse using this
modular system is as follows. A trigger pulse is sent by the computer program via the
trigger unit to both the laser and the two channel counter simultaneously. There is an
inherent delay between the electrical trigger o f the laser and the emission o f the laser
pulse. In addition to an external variable delay, the fine adjustment o f the delay o f the
data acquisition is achieved by using one o f the channels o f the programable counter
within the acquisition system (see Figure A .l). After the selected delay, the counter
generates a trigger pulse which activates both the transient recorder and the second
channel o f the counter. This second counter produces a further trigger after a preset time
which is then used to stop the transient recorder and finish the data acquisition. Before
the acquisition cycle is triggered again, the data is either read from the transient recorder
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into the computer or the program pauses for a short time defined by the required
repetition rate of the laser output. In this case, the data from the subsequent acquisition
cycles are stored consecutively in the memory o f the transient recorder. With the
parameters used in this work, it was possible to capture a total o f 250 laser pulses before
the memory was filled and a readout was necessary before any other acquisition cycles
could be initiated. The captured data was protected in the case o f a memory overflow,
since the input signal for the start of an acquisition in the transient recorder was
disabled.
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A p p e n d ix B

G o n io m e t e r

Preliminary measurements o f the SPF o f tissues using a manual goniometer
showed that there was a need for a faster and more flexible system if reliable,
statistically valid results of SPF were to be obtained. It was felt that a stepper motor
controlled goniometer was needed. However, the limited funds provided for this project
did not allow the purchase o f a sophisticated, ready-built system. Instead, a custom
design was conceived and constructed in the departmental workshop and inexpensive
stepper motors and home-made driver electronics were used to drive the system.
The basic system is shown in cross-section in Figure B .l. The independent
rotation o f the detector arm and the glass cylinder required a design where one set of
bearings supporting the shaft, is placed within a second, outer set o f bearings. The use
o f taper-roller bearings to minimize play resulted in a rather large design. The two pairs
o f taper-roller bearings are easily identified in Figure B .l. The central shaft to which the
glass cylinder was attached was driven directly by one o f the geared stepper motors
which were fixed to the lid as shown in Figure B .l. The rotation o f the detector arm
shaft by the second geared stepper motor placed o ff the axis o f rotation was achieved
by using toothed wheels and a belt (see Figure B .l). The glass cylinder was
accommodated in a dedicated holder, shown in Figure B.2, comprising two metal rings
at top and bottom which allowed compression o f the sample by applying force using
screws. For fast and easy alignment of this holder in the goniometer, the holder was
attached to a plate with quick-release plastic catches. This plate was held on the central
240
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Figure B .l: Technical drawing o f the mechanical parts o f the goniometer system.

Holder fo r glass cylinder
Materiel: Durai
Scale: 1:1

4 parts: top ring, bottom plate, 2x rods
Turntable fo r holder
Material: Durai
Scale: 1:1
2 parts: pillar, plate to fit in holder with
glass cylinder
—^
a.oo

10.00

50 .0 ( ^

3.00

Figure B.2: Holder to accommodate the glass cylinder in the goniometer. It is
comprised of a rotating plate and an assembly o f two aluminium rings.
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shaft securely by means of a grub screw, shown in Figure B .l, and was usually not
removed from the goniometer. Therefore, a new sample was positioned at a similar
position to the previous one and no realignment was necessary between samples.
The collimated detector is held on two stainless steel rails attached to an
aluminium plate which is fixed to the outer shaft (see Figure B.3). An additional
technical drawing (Figure B.4) shows the complete system assembled in the holder
which was fixed to the optical rail. It includes details of the top and bottom plates of
the U-shaped holder. The design of this system is "upside-down" compared to the
previous, manual goniometer. This design was purposely chosen to allow future
measurements of the SPF using an immersion technique.
Two end switches and two reference switches were attached to the detector arm
and the aluminium plate and connected to the stepper motor driving the outer shaft. This
enabled the controlling computer program to obtain information about the position of
the detector arm and so avoid any rotation beyond the mechanical limits imposed by the
U-shaped holder of the goniometer which would have resulted in damage to the stepper
motor gearing. It also provided a reference position for the detector arm relative to the
holder which may be used for rapid positioning during the alignment procedure.

I
Figure B.3: Photograph of the goniometer system. On the left the detector arm
and the collimated detector assembly can be seen.
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Figure B.4: U-shaped holder for the goniometer system which was attached to the
optical rail. Details of the top and bottom plate are shown on the right.
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A p p e n d ix C

I n t e g r a t in g

sph er es

Integrating spheres are an indispensable tool for the experimental determination
of the optical properties of light scattering materials. Their use for the measurement of
diffuse reflectivity was first described by Taylor^^° in 1920. Since then, a large number
of publications have dealt with the theory of integrating spheres^"’^*^’^^^ in a
variety

of

geometries^^'^’^*^’^*®’^^^ to determine

diffuse

reflectance

and diffuse

transmittance of scattering media. Integrating spheres have been applied to the
calibration

of reflectance

standards^**’^^’

and new

suggestions

for improved

correction algorithms are still appearing^^°'^^\
The need for, and the potential of integrating spheres is obvious. When a
scattering sample confined to a slab is illuminated with a collimated light beam, light
enters the sample at one side and, after being multiply scattered, may leave at either the
illuminated or the opposite side. Since the multiple scattering events have changed the
direction of the photons, light exits the slab in various directions. As a consequence, a
detector with a limited angular sensitivity may not collect all photons leaving the
sample. The use of an integrating sphere can overcome this problem. The principle is
based on the collection of light emerging from a sample through an aperture (sample
port) in a hollow sphere (Figure C .l). When the sample is in close contact with the
aperture, all light leaving the sample (including the diffuse, multidirectional light) enters
the sphere. The inner wall o f the integrating sphere is coated with a highly, diffusely
reflective paint which ensures multiple reflections of the detected light. A small detector
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Sample

D etector

Reflectance
Paint m
Incident
Beam

Figure C .l: Reflection side integrating sphere with laser beam orthogonally
incident on sample.
placed inside the sphere wall detects, therefore, a signal which is, in principle,
proportional to the light intensity entering the sample port.
In practice, there are a number of restrictions which affect the linearity of this
detector system. These have their origin in losses within the sphere and are caused, for
example, by the reflectivity of the coating being less than

1 0 0

% or open port holes, such

as the detector port and illumination port, where light can leave the otherwise enclosed
system. The reflectivity of the sample placed at the sample port also has an impact on
the linearity as the average reflectivity of the sphere wall is changed by the sample. A
further complication will be introduced with the use of a double integrating sphere
system, where reflectivity and transmission of a sample are measured simultaneously.
In such a geometry, light can traverse a sample a number of times and contributes to the
signal measured in both spheres.
These limitations were discovered early in integrating sphere theory and
corrective suggestions have been given^"'^^^'^^^. Cheong has analyzed a double integrating
sphere system^“ and more recently, a comprehensive summary of correction formulas
both for single and double integrating sphere geometries was published by Pickering et
al.^“ A very similar integrating sphere system to the one used in this work was used
recently in another PhD work where a detailed discussion can also be found^.
In this appendix, the discussion is limited to the integrating sphere system used
for the experimental studies described in Chapter 5. The geometry of the system is
described and analyzed, such that a correction for systematic errors can be made.
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Correction formulas are presented and their effect demonstrated with examples.

C .l

G e o m e t r y a n d d e f in it io n o f t e r m s

Measurements of reflected intensity were carried out with a single integrating
sphere shown in Figure C .l. The geometry of the double integrating sphere system used
for measurements of transmission is presented in Figure C.2. In the experimental setup,
the reflection side sphere was permanently aligned to the laser beam and mounted on
a holder. The fixed assembly of the reflection side sphere was the reason for the use of
the double sphere geometry in the case of the measurement of the transmission. The
removal of the reflection side sphere to enable a single sphere measurement of the
transmission would otherwise have necessitated a complete realignment of the system.
The reflection side sphere (Figure C .l) comprises three port holes: a sample port.

Reflectance

Sample

Detector

Reflectance
Paint m
Incident
Beam

Figure C.2: Pair o f integrating spheres with intervening sample and orthogonally
incident collimated light beam.
246

Table C(i): Définition of terms used (in agreement with Pickering et

where

possible).
Nomenclature

Definition

P.

Power collected by the detector with a sample present in the sample
port
Power collected by the detector with the reflectance standard
present in the sample port
Reflection factor of the sphere wall
Reflection factor of the detector

Pr
m
r
R4

Rc
Ra

Rr
T,

Tc
Ta
91
A = 4jc91^
5
s
h
a = 1 - (6/A + slA + hlA)

Diffuse reflection factor of the sample with diffuse incident light
Collimated (specular) reflection factor of the sample with
collimated incident light
Diffuse reflection factor of the sample with collimated incident
light
Diffuse reflection factor of the reflection standard
Diffuse transmission factor of the sample with diffuse incident light
Collimated transmission factor of the sample with collimated
incident light
Diffuse transmission factor of the sample with collimated incident
light
Inner Radius of the sphere
Total inner surface area of the sphere
Area of the detector port
Area of the sample port
Total area of other ports
Fractional part of inner surface area of the sphere relative to the
inner surface of a complete sphere
Diffuse reflection factor at the refractive index boundary
Collimated reflection factor (for orthogonal incidence) at the
refractive index boundary

an entrance port, and a detector port. It is mounted such that the sample port is on top
of the sphere for easy installation of the sample. The entrance port is located directly
opposite the sample port to enable the illumination of the sample with a normally
incident, collimated beam. The detector port is situated in the horizontal plane at 90° to
the sample and the entrance port. The use of a non-isotropic detector in this port (such
as a fibre optic light guide) ensures that only light which has been reflected at least once
by the sphere wall is detected since the detector sees only a fractional area of the
opposite sphere wall. This type of detector is an alternative to a baffle placed between
the sample and the detectoi^^, which is often found in integrating spheres to avoid
collection of specularly reflected light from the sample.
The transmission side sphere (Figure C.2) has one port less, there being only a
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sample port and a detector port. The detector port is situated at the same place with
respect to the sample port as in the case of the reflection side sphere. The same
argument as above applies when a non-isotropic detector is used.
The sample is illuminated with a collimated laser beam from below the reflection
side sphere. It is aligned for orthogonal incidence such that the specular reflection due
to the refractive index change from air to sample leaves the sphere through the entrance
port and therefore does not contribute to the signal.

c.2

C o r r e c t io n s f o r t h e r e f l e c t io n s id e s p h e r e

First, consider the reflection side sphere only: when a light beam with an incident
power P q illuminates a sample placed in the sample holder of the reflection side sphere
the detector power F, can be written as

A

\ -

mOL -

R p lA )

For a definition of terms see Table C(i). This formula is identical to the formula derived
by Pickering et al. for the case of the reflectance in a single sphere in which the sample
is illuminated with a collimated laser beam and a baffle is used^^^. Compared to the
geometry where no baffle is used the term {r(h!A)), which takes into account the size
and the reflectivity of the detector, can be neglected. A further simplification can be
introduced for the special sphere geometry used here where a sample is illuminated with
a collimated, normally incident beam. The specularly reflected power from the
orthogonally incident light does not contribute to the detected power because it leaves
the sphere through the entrance port. Hence,

= 0. With a sample placed in the sample

holder. Equation (C-1) can then be redrafted as

P

=

'

1A___________
_______P„
\ - m a - RXslA) "
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(C-2)

Similarly, the detected power for the case of a reflectance standard placed in the sample
holder can be expressed as:

P =

R_ma
A

(C-3)

\ —TfiCL —RJ^slA)

To obtain this equation, it is assumed that the reflectance standard is an ideal
Lambertian diffuser which means the collimated to diffuse reflectance R^^ equals the
diffuse to diffuse reflectance R^ and both are equivalent to the calibrated reflectance R^
of the standard. The ratio of Equations (C-2) and (C-3)
Rcd

1

R

s!A iR^ - R,)
+

P

(C-4)

1 - m a - R, s/A

can be used to solve for the required sample reflectance R^/.

4L, =

1

s/A

- rj

+

1 - m a - R, • s/A
(C-5)
R^ (1 - m a - R^ • s/A)
1 - m a - R^ ‘ s/A + (1 - r j R^ • PJP^ * s/A

Use was made of the relationship between the diffuse to diffuse reflectance R^ and the
collimated to diffuse reflectance R^^ of the sample:
(C- 6 )

This relationship is illustrated in Figure C.3 where the specular reflection of diffuse (r j
and collimated ( r j light are demonstrated,

and

can easily be calculated for a given

refractive index of the sample using Fresnel’s formulas^^. For example, the specular
reflection from the air/glass/tissue interfaces is r^=0.0956 and r^=0.0435 using a
refractive index of

1.530 for glass and a refractive index of /z,= 1.40 for tissue. It is
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Figure C.3: Reflection due to scattering (R*^ and 7?%^), specular reflection of
collimated light ( r j and specular reflection of diffuse light (rj.

assumed that once the light has crossed the refractive index boundary, the backscattering
(diffuse reflectance) of the remaining fraction of the diffuse light and the collimated
light by the sample are equivalent. Thus

Therefore, omitting small terms, the

following two simultaneous equations^^ can be solved to give Equation (C-6 )

(1

-

«X = RJ (1 -

O *

O

''x

(C-7)

+ r.

Equation (C-5) can now be used to calculate a sample reflectance from two
measurements: the power detected with a calibrated reflectance standard and the power
detected with the sample under study in the sample port.

C 3

C o r r e c t io n s f o r t h e tr a n s m is s io n s id e s p h e r e

The correction formula for the transmission side sphere is slightly more
complicated to derive because the contribution of the double sphere system has to be
taken into account^ Again, the detector power can be expressed in terms of integrating

Where parameters describe a property of the transmission side sphere, a dash (’)
is used.
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sphere and sample properties;
S'

m'T^ [1 - R lslA ')] + T^jn'aJ + T(R^^ + m R )m 'a !

T'

[1 - m 'a .' - R A s l A ' ) \ (1 - 7T ')

P,

(C-8)

with

r = i.
A

\ - ma -

{s/A)
(C-9)

T' -

^
A'

1 - m 'a ' - /?^ (f/A ')

This formula is identical to a formula given by Pickering et al. which they derived for
the collimated illumination of a sample placed in a double integrating sphere system in
which baffles are used^^^. As previously, for the geometry of the double integrating
sphere system, Equation (C-8 ) can be simplified. In the case of an optically thick
sample, the fraction of unscattered light which is expressed in the term

is negligible.

The specularly reflected fraction of the collimated light beam incident on the sample in
the reflection side sphere, /?^, leaves the sphere through the entrance port. Hence,
Equation (C-8 ) simplifies to

/>' = ^
A'

\ - m 'a ' - R ^ (slA ')

1
p
1 - 7T ' "

(C-IO)

The reference measurement for the determination of the transmission is done with an
empty sample holder. In terms of the parameters used in Equation (C-8 ) an empty
sample holder means that all collimated (T^) and all diffuse (TJ light can pass through
the "sample" (T^=Tj=l). Since there is no scattering when the collimated light passes
through the "sample", the contribution of the collimated to diffuse transmission vanishes
(Tgj=0). Again,

R j=0 and also /?c^=0 since there is no sample between the

integrating spheres. Therefore, for the reference power f / . Equation (C-8 ) simplifies
very much to
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Pi

m
\ - m 'o!

=

A'

(C-11)
1 - 7T

Again, the ratio of Equation (C-10) and (C-11), using the equality 7^^=?^

Pi
p'

1
1

(VA)
+

1 - m a - R . (VA)

- m 'a ' - /?. (VA')

1

(VA)(VA ')
( 1

- m a)(l - m 'a ')

can be solved to derive the desired expression for 7^. With constants

[1 - m 'a ' 1

(C-12)

- m 'a ')

( 1

-

1 - 77'

(VA')]

(VA)
+

1 - m a - R . (VA)

1

and Kg

(VA)(VA ')
-

( 1
( 1

- m 'a ')

- m a)(l - m 'a ')

(slA)(slA')
[1 - m a - R , (îM)] [1 - m 'a ' - R , (iM ')l

(C-13)

Equation (C-12) can be rewritten as

Pi

(C-14)

Of the two solutions to this quadratic equation, only the positive one is valid:

(C-15)

2K,Kj (/>;//>/)

With the previously determined diffuse reflectance, R^, and collimated to diffuse
reflectivity,

of a sample. Equation (C-15) provides the necessary corrections

according to the integrating sphere geometry to calculate the diffuse transmittance 7^.
Finally, together with the value for R^ this result can be used in the MC inversion to
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Figure C.4: Detected power as a function of true reflectance: collimated illumination.
Ideal case (solid line), large sample port (dashed line), small sample port (small
dashed line)

determine the absorption and scattering coefficients, as is described in Section 5.2.1.
An example of how the linear response of an integrating sphere can be distorted
by a sample of different reflectance is shown in Figure C.4. The data displayed here was
calculated using Eq. (C-1) and compares two spheres with different sample port
diameters. All other sphere parameters, such as sphere wall reflectance, were kept the
same. The non-linear behaviour of the integrating sphere with the large sample port hole
is obvious when compared to the ideal case of a PJPr ratio equal to the reflectance of
the sample present in the sample port. The modelled sphere with the smaller sample
port, whose parameters were identical to the sphere used in this study, shows a much
improved linearity of response.
There is, of course, a disadvantage to having a small sample port to sphere wall
area ratio. This is related to the use of diffuse light for illumination. Since the sample
contributes only a little to the total sphere area, the signal change in this case is small.
This is demonstrated in Figure C.5 where the same parameters are used as in the
calculations for Figure C.4. The formulas for diffuse illumination given by Pickering et
al.^^^ were used to calculate this example.
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Figure C.5: Detected power as a function of true reflectance: diffuse illumination.
Large sample port (solid line), small sample port (dashed line).

C .4

C o n s t r u c t io n o f t h e in t e g r a t in g s p h e r e s

The experiments on fresh and coagulated tissue samples made use of a relatively
small sample size. A sample port diameter of 5 mm was chosen to suit best the
application. Small sample and port hole diameters require appropriately small sphere
dimensions. A sphere diameter of about 50 mm was found to match the required port
hole diameter of 10 mm. Although such small integrating spheres with small port holes
are commercially available from specialist manufacturers (eg. Labsphere, Inc., North
Sutton, NH), they are made to order and are usually not part of the standard size product
range. Quotations for such custom-built spheres from standard suppliers exceeded the
budget provided for the project. Therefore, a simple design o f a pair o f integrating
spheres was drawn up and based on commercially available hollow plastic spheres and
a prototype was manufactured in the departmental workshop. A technical drawing of the
pair of spheres is shown in Figure C . 6 and Figure C.7. The hollow spheres were cut in
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1 d e te c tio n p o r t hole (d=lmm)
with coupling piece A a t side
<90deg.)
1 light s o u r c e p o r t hole (d=lnn)
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drill 1mm p o r t holes, a d j u s t
coupling piece A t o g e t h e r with
fib re end piece

R e fle c t io n Side S p h er e
f r o n t view

Figure C.6 : Technical drawing of the reflection side sphere. The entrance port
hole (shown at the bottom of the sphere) is closed with a sphere plug for higher
reflectivity when diffuse illumination is used.
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R2)

Transmission Side S p h er e
f r o n t view

Figure C.7: Technical drawing of the transmission side sphere and the coupling
piece to the reflectance side sphere.
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halves to allow the inner surface to be coated with white reflectance paint. A holder ring
was fitted to give stability and to provide a means of reassembling the sphere after the
coating procedure. Port holes were drilled at specified locations and various holders
fitted.
The reflection side sphere and the transmission side sphere fit together at the
sample port as is shown in Figure C.7. A coupling ring holds the two spheres together.
The spheres are held apart by a spacer ring which ensures an accurate sample thickness.
The port hole opposite the sample port in the reflection side sphere either provides an
opening for a collimated light beam to enter the sphere or a holder for a fibre bundle
to illuminate the sample. A third port with a standardized socket is used to fix the
detector (usually a multimode optical fibre) to the sphere. The transmission side sphere
lacks the entrance port, but has the equivalent detector port hole. The parameters of the
final integrating sphere system relevant to the correction formulas are listed in
Table C(ii).
Once the mechanical work was complete, the inner surfaces of the four sphere
halves were coated with a high reflectance paint (KODAK, White Reflectance Coating
6080). This paint is based on BaSO^ granules^^. It is available as a readily applicable
suspension. Before use it was stirred well using a glass rod and left in an ultrasonic bath

Table C(ii):

Dimensions of the integrating spheres used.

Parameter

Value

Parameter

Value

9t

24.0 mm

9t'

24.0

A

7238 mm^

A’

7238

5

0.785 mm^

6’

0.785

s

19.64 mm^

s’

19.64

h

19.64 mm^

h’

0

a

0.0055

a’

0.0028

^ 1 .0 6 4 pm

0.95

^

1.064

^132

Jim

0.95

^

132

Jim

0.90

^

2.1

^ 1

/?,(1.064 |im)

0.987

-

/?,(1.32 pm)

0.985

-

RX2.1 pm)

0.944

-
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Jim

Jim

Jim

0.95
0.95
0.90

for 10 minutes. For better results, the stock suspension was diluted with ethanol (10
parts stock suspension, 1 part ethanol). It was sprayed onto the roughened inner surface
o f the spheres using a standard artist’s air-brush. The coating was left to dry for
15 minutes before the next coating was applied. This procedure was repeated ca. 20
times until a thick (ca. 1-1.5 mm) layer of reflectance paint was generated.
The reflectance of the reflectance paint is very high (> 98%) in the visible range
of the spectrum and drops towards infrared and ultraviolet wavelengths. The reflectance
of the sphere walls and the calibrated reflectance of the reflectance standard at the three
wavelengths studied in this work are listed in Table C(ii) together with other sphere
parameters. These parameters were used in the correction formulas presented in this
appendix.
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