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ABSTRACT

Human skin is an optical organ which constantly interacts

with light. Its optical properties are fundamental to

understanding various effects of light-tissue interaction in

human skin and to laser applications in medicine and biology.

The aim of this thesis was to test two hypotheses: (1) that

skin optical properties can be quantitatively modeled, and (2)

that in vivo spectroscopic measurements can be used to derive

information about skin structures. Both theoretical and

experimental procedures were used to test these hypotheses.

Experimental studies were completed in terms of

macroscopic, in vivo diffuse reflectance spectroscopy,

autofluorescence spectroscopy, and temporal behavior of the

autofluorescence signal during continuous laser exposure, as

well as microscopic in vitro fluorophore distribution and

spectral differences. Several interesting physical phenomena

were discovered. Three new methods were developed for deriving

information of different skin layers from in vivo and in vitro

measurements. The most interesting finding was that, under

continuous laser exposure, skin autofluorescence decays

following a double exponential function and that the

autofluorescence recovery takes about six days.

A seven layer skin optical model was developed based on

(1) the structural anatomy of skin, (2) published optical

properties of different skin layers and blood, and (3) measured

skin fluorophore micro-distribution. Monte Carlo simulation
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was used to solve the Boltzmann equation of radiative transfer

for the new skin model. The solutions provided a detailed

knowledge of light propagation in skin tissue.

The theoretical modeling unified the microscopic 

properties with the macroscopic in vivo skin measurements. The

physical meaning of the autofluorescence double exponential

decay dynamics was also elucidated. It was shown that the

coefficients of the double decay can be used to estimate the

fractional contributions of different skin layers to the

observed in vivo autofluorescence signal. Using this approach,

it was determined that the fractional contribution of the

stratum corneum was - 14%, while the calculated value for the

Monte Carlo skin model was - 15%, providing a close agreement

between experimental and theoretical values. The dermis

contributed the remaining 85% of the observed in vivo signal.

We therefore, believe that the thesis hypotheses have been

substantially proven. Although the skin has complicated

inhomogeneous structures, its optical properties can now be

quantitatively modeled and various modalities of in vivo skin

spectroscopy can be used to derive information on skin

structures.
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CHAPTER 1: INTRODUCTION

We human beings have two optical organs, the eye and the

skin, both of which interact with light constantly. The eye is

an ideal imaging device which consists of optically homogeneous

tissue and which images objects onto the retina so that the

brain can perceive the outside world. The imaging optics of

eye can be described by geometrical optics, and have been

widely discussed in optics textbooks. The skin, however, is an

optically inhomogeneous and multi-layered turbid medium. Light

interaction with skin tissue will be subject to scattering,

absorption, and may also produce fluorescence and

phosphorescence. These interactions cause turbidity and

prevent us from seeing inside of the skin, and therefore, gives

skin its aesthetic quality. The optics of skin has not been

completely understood and is currently being intensively

studied. This dissertation was dedicated to the physics of

basic light-tissue interaction in human skin. The following is

a brief review of the skin tissue optical property studies.

1.1 Overview of skin tissue optical properties 

The physical properties of biological materials have been

optimized with respect to the environmental constraints through

evolutionary processes (Bloom, 1992, 1993). The optical

properties of skin is just such an example. It is well known

that exposure of skin to sunlight stimulates the synthesis of
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vitamin D3 which is essential for maintaining calcium and

phosphorus homeostasis, and therefore a healthy skeleton

(Holick et al, 1982).^This is a known beneficial effect of

light-tissue interaction in skin.^However, over-exposure of

skin to sunlight (especially its UV components) may cause

sunburn, skin photoaging (dermatoheliosis), and even skin

cancer. The optical properties of skin do provide some

protective mechanisms against these damages. Perhaps, the most

important is the strong absorption by melanin of short

wavelength visible light and ultra violet radiation (UVR).

Secondly, the scattering of incident light by inhomogeneous

structures in skin tissue (e.g. cells in epidermis, collagen

and elastin fiber bundles in dermis) also prevents it from

penetrating deeply into the skin and subcutaneous tissue. It

seems that both the absorption spectrum of melanin and the

scattering coefficient variation with wavelength have been

optimized for this protective purpose. For example, damage to

DNA increases with decreasing wavelength, and the absorption

coefficient of melanin increases sharply with the decreasing

wavelength of the incident light (Anderson and Parrish, 1981).

The scattering coefficients of various skin layers also show

rapid increases with decreasing wavelength in the UV range,

while they decrease slowly with increasing wavelength in the

less damaging visible and infrared (IR) range (Anderson et al,

1979, Wan et al, 1981, Van Gemert et al, 1989). This

evolutionary optimization enables skin to effectively block

harmful UVR and short wavelength visible light from penetrating
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deeply to damage the underlying viable tissue, but allows

relatively harmless long wavelength visible and near infrared

light to penetrate deep into the tissue, facilitating diagnosis

and therapy of various skin diseases by light.

In addition to the above mentioned stimulating vitamin D3

synthesis and DNA damage, the light-tissue interactions in

human skin cause many photophysical (photothermal,

photomechanical etc., see for example, Anderson and Parrish,

1983, Bulnois, 1986, Jacques, 1992), photochemical, and

photobiological effects (see for example, Urbach, 1969, Magnus,

1976, Parrish et al, 1978, Diffey, 1980, 1984, Regan and

Parrish, 1982, Martellucci and Chester, 1985, Kochevar, 1986).

Light-tissue interaction can also be used for diagnostic and

therapeutic purposes in dermatology (see, for example, Anderson

and Parrish, 1981, Goldman, 1981, Regan and Parrish, 1982,

Arndt et al, 1983, Goldman 1991, Goldman and Kerr 1991, Chester

et al, 1991, Green et al, 1992). In diagnosis, the effect of

tissue on light is exploited to detect malignant changes, while

therapeutic applications (surgical and non-surgical) are based

on the effect of light on tissue (Parrish and Wilson, 1991).

To understand all the light induced phenomena and their

use in clinical applications, knowledge of the initial events

(scattering, absorption, and fluorescence) of light-tissue

interaction and the immediate measurable effects (diffuse

reflectance and fluorescence spectra) is the necessary

prerequisite. The scattering and absorption determine the

light micro-distribution inside the skin tissue which is
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important for generation of any biological effects and for

therapeutic applications as well as for determining the

information contained in any diagnostic signal The diffuse

reflectance and fluorescence spectra are non-invasively

measurable from in vivo skin, therefore, are diagnostically

significant. The work in this thesis concentrated on the basic

optical properties (scattering, absorption, autofluorescence,

and reflectance) of normal human skin and their relationships

with the microscopic structure of skin, in agreement with the

postulate that understanding the normal is the key to

understanding the abnormal (Montagna et al, 1992)

1.1.1 The structure of skin

For the convenience of the later discussion, a brief

description of the structure of skin is provided here. There

are a number of treatises describing the anatomy and functions

of the skin (for example, see Montagna and Lobitz, 1964,

Fitzpatrick et al, 1971, Montagna and Parakkal, 1974, Parrish,

1975, Montagna et al, 1992). The skin accounts for about 15%

of total body mass and can be considered the largest organ of

the body. It consists of an outer epidermis, the dermis, and

the subcutaneous tissue (Figure 1). It contains nerves, blood

vessels, glands, and hair follicles. The skin is the barrier

to a hostile external world. The functions of skin include

protection from the external environment, inhibition of water
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loss, absorption and blockage of radiation, temperature

regulation, sensory perception, and immunological surveillance.

The epidermis contains no blood or lymphatic vessels and

is composed of a continually renewing, stratified, squamous

epithelium. The superficial layer of the epidermis (the

stratum corneum or horny layer) consists of dehydrated

flattened dead cells.^It is a mechanically tough and

chemically resistant layer.^The epidermal cells are

manufactured by the keratinocytes (prickle cells) of the

stratum malpighii. Keratinocytes are derived from a single

germinative layer of basal cells. In normal skin, it may take

up to 14 days for a daughter cell of the basal layer to reach

the stratum corneum, and another one or two weeks before it is

sloughed off from the skin surface. Specialized cells called

melanocytes reside within the basal layer and produce melanin-

containing granules called melanosomes, which are transferred

through dendritic processes to the keratinocytes of the

epidermis. As the keratinocytes migrate outward, some melanin

is carried toward the surface of the skin, eventually appearing

in the stratum corneum. Melanin is a complex macromolecular

protein which strongly absorbs UV radiation and short

wavelength visible light, and plays an important role in

attenuating the light before reaching the viable cells in the

skin. As a response to UVR-induced injury and a mechanism to

protect against sunburn, the skin can produce more melanin.

this new melanin, in turn, protects the skin from new damage of

the sunlight. This UVR-induced melanin may also prevent the
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Figure 1. Schematic diagram of the structure of skin.
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over-production of vitamin D 3 by absorbing more UV radiation.

Too much vitamin D might result in calcification of soft body

tissue, possiblely causing kidney stones and other pathological

calcifications.

Below the epidermis lies the dermis, which has well-marked

ridges and projections on its upper surface. These ridges,

with anchoring fibers, prevent the two layers from separating

due to shearing forces. Primarily, the dermis consists of

collagen and elastic fibers embedded in a viscous gel of water

and mucopolysaccharides (ground materials). In the dermis,

there are relatively few cells compared to the epidermis.

Scattered cells called fibroblasts produce the fibers, proteins

and viscous ground materials of the dermis. The uppermost

dermal layer, called papillary dermis, contains many

capillaries, lymphatics, and nerves, giving it more cellular

appearance than the underlying reticular dermis. The reticular

dermis is more fibrous, contains larger vessels, and has fewer

cells and less ground substance than the papillary dermis. The

dermis normally contains no melanin. The blood vessel

distribution in the dermis consists of two plexuses: one plexus

is located in the papillary dermis and branches into many

capillaries toward the epidermis, the other is near the bottom

of the dermis. The skin blood supply is far more than enough

for cell nutrition, and it acts as a heat regulator. Collagen

and elastin fibers have diameters comparable or larger than the

wavelength of visible and UV light and are largely responsible

for the strong scattering properties of the dermis. Collagen
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makes up 75% of the dry weight of the skin and provides both

tensile strength and elasticity. Three collagen chains make up

a collagen molecule, collagen molecules are cross linked in the

extracellular space into collagen fibrils. The fibrils collect

into small groups or fibers that can be seen with the light

microscope. Fibers, in turn, organize into larger fiber

bundles. Elastic fibers account for about 4% of the dermal

proteins and form a network that borders the collagen bundles

and strengthens the elasticity of skin. The collagen in the

papillary dermis is mainly type III, which consists of small-

diameter fibrils organized into small fiber bundles. The

reticular dermis is composed primarily of type I collagen,

which consists of large-diameter fibrils woven into large fiber

bundles. The subcutaneous tissue supports the dermis. It

consists mainly of fatty tissue, which acts as an insulator and

a shock absorber as well as serving as a readily available

source of energy.

The presence of these various skin layers leads to the

skin behaving optically as a highly scattering, turbid medium.

Figure 2 is a schematic representation of the possible light

pathways in skin tissue. When a beam of light reaches the skin

surface, part of it will be reflected by the surface directly,

while the rest will be refracted and transmitted into the skin

(Tregear 1966, Anderson and Parrish 1981). The direct

reflection by the skin surface is called regular reflection,

and is related only to the refractive index change between air

and the stratum corneum of the skin. The light transmitted

•
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into the skin will be scattered and absorbed by the skin

tissue. After multiple scattering, some of the transmitted

light will re-emerge through the air-stratum interface into the

air. This re-emergence is called diffuse reflection (or

remittance). The amount of diffuse reflection is determined by

both scattering and absorption properties of the skin tissue.

The stronger the absorption, the less the diffuse reflection;

the stronger the scattering, the larger the diffuse reflection.

Following absorption of a photon by the skin, the electrically

excited absorbing molecule may rapidly return to a more stable

energy state (1) by re-emission of a photon with lower energy

in the form of fluorescence or phosphorescence; (2) by

relaxation through vibrational or rotational energy levels,

resulting in production of heat; (3) by undergoing a permanent

structural changes; and/or (4) by reaction with an appropriate

nearby molecule.^Different chromophores reside in different

skin layers and have different absorption spectra.^Figure 3

shows the absorption spectra of major skin chromophores

(Anderson and Parrish, 1981).

1.1.2 Diffuse reflectance of skin

Studies of skin reflectance started many decades ago

(Edwards and Duntley, 1939, Goldzieher et al, 1951, Edwards et

al, 1951, Kuppenheim and Heer, 1952, Jacquez et al, 1955,

Jacquez et al, 1955b, Hardy et al, 1956, Ballowitz and Avery,

1970, for review of early work, see Tregear, 1966). Most of
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these early studies employed an integrating sphere to collect

all reflected light including the regular reflection.

Acquisition of a complete spectrum could take as long as one-

half hour (see for example, Jacquez et al, 1955). As the

subjects being studied must remain motionless, they were

probably somewhat uncomfortable. Depending on the

spectrophotometer used, many of these early works obtained more

or less accurate reflectance spectra, in general, consistent

with the results obtained by modern instruments. In many

modern setups for skin reflectance measurements (Dawson et al,

1980, Tang and Wan, 1983, Kollias and &agar, 1984), optical

fibers are used to collect only part of the reflected light,

excluding the regular reflection. Regular reflection contains

no information about the inside skin composition and structure,

and can interfere with the diffuse reflection signal. The

addition of computer controlled filter wheels and stepper motor

for wavelength change in a single channel spectrophotometer

reduced the time required to obtain a spectrum to a few

minutes. For this thesis, a computerized spectroanalyser

system was built using fiber optic sampling and optical

multichannel analyzer (OMA) (Zeng et al, 1992, 1993). Our

system can acquire a reflectance spectrum very rapidly (in less

than 1 second) with a repeatability of 0.70.

Although over the years, skin reflectance and

transmittance have been measured from time to time, theoretical

modeling of the optical properties of skin has been carried out

only in the last decade. It started with the application of
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the Kubelka-Munk model (Kubelka and Munk 1931, Kubelka 1948,

Kubelka, 1954, Atkins, 1969) to analytical modeling of the

relationship between the optical properties of single skin

layers and the in vivo reflectance by Anderson et al (1979,

1981, 1982) and Wan et al (1981). The Kubelka-Munk theory is

an approximate solution to the Boltzmann equation of radiation

transport (Chandrasekhar, 1960). It is only applicable to

isotropic, strong scattering media and requires diffuse

incident illumination which is hard to satisfy experimentally.

In recent years, various improvements to the Kubelka-Munk model

and other approximate solutions to the transport equation have

been developed (Takatani and Graham, 1979, Bonner et al, 1987,

Van Gemert and Star, 1987, Van Gemert et al, 1987, 1988, Yoon

et al, 1987, 1989, Arnfield et al, 1988, Keijzer et al, 1988,

Star et al, 1988, Steinke and Shepherd, 1988). Of these, the

diffusion theory (which very well approximates the transport

equation when scattering dominates over absorption and deals

with situations far away from light source and boundaries) is

very successful in elucidating the basic characteristics of

light transport in turbid biological tissue in analytical

formulae or by less intensive numerical computing (Ishimaru,

1978, van de Hulst, 1980, Groenhuis et al, 1983, Marijnissen

and Star, 1984, Marijnissen et al, 1985, Wilson and Patterson,

1986, Star et al, 1987, Van Gemert et al, 1987, 1988, Keijzer

et al, 1988, Wilson et al, 1988, Jacques, 1989, Karagiannes et

al, 1989, Patterson et al, 1989, 1991, 1991b, Yoon et al, 1989,

Farrel et al, 1992). Diffusion theory also permits a more
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accurate determination of the basic transport parameters of

tissue from reflection and transmission measurements of tissue

slab (Jacques and Prahl, 1987, Cheong, et al, 1990). More

recently, Monte Carlo methods have been developed to obtain

rigorous numerical solutions of the transport equation (Wilson

and Adam, 1983, Flock et al, 1988, 1989, Prahl et al, 1989,

Wyman et al, 1989, Keijzer et al, 1989, Hebden and Kruger,

1990, Jacques and Keijzer, 1991, Haselgrove et al, 1991,

Gardner and Welch, 1992, Wang and Jacques, 1992). We now know

that the diffuse reflectance of a uniforml semi-infinite tissue

bulk is a monotonically increasing function of the ratio, N',

of the reduced scattering to absorption.

N'= µs' /µa = p,s(1 - g) /p, (1)

where il s and pta are the tissue scattering and absorption

coefficients respectively, and g the scattering anisotropy.

For a derivation of this function, see Patterson et al 1989

(diffusion theory) and Jacques 1989 (Monte Carlo simulation).

For experimental demonstration, see Wilson and Jacques 1990.

Very recently, using photon migration formulism and Monte Carlo

simulation, Wu et al (1993) worked out an analytical formula

for this function valid for the tissue optical parameters

1 Most biological tissues have granular (e.g. cells) or
fibrous^(e.g.^collagen fibers)^structures^and are,
therefore, optically inhomogeneous. "Uniform" in this
thesis means that the optical inhomogeneity of the tissue is
uniform, i.e. the tranport parameters, 'la , 'As , g, are
constants over the specified uniform tissue volume.
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range of pt s /[ta (= 5 - 300 ), g ( = 0.7 - 0.95) and refraction

index matched boundary conditions.

Inspired by the theoretical modeling of light transport in

turbid biological tissue, more complicated reflectance

measurement modalities have been developed. Wilson and Jacques

(1990) summarized these modalities into four categories: 1)

steady-state measurement of the total remittance R, 2) time-

resolved measurement of total diffuse reflectance R(t) as a

function of time t, 3) steady-state measurement of the local

spatial distribution of remittance R(p) along the tissue

surface, and 4) time-resolved measurement of the local spatial

distribution of remittance R(p,t) along the tissue surface as a

function of time. In this thesis, a fifth modality was added

which is a steady-state measurement of the remittance angular

distribution R((3) as a function of detection angle 3. Our

preliminary results suggest that R((3) may be used to derive

information from different skin layers (Zeng et al, 1992,

1993).

For uniform semi-infinite tissue, steady state measurement

of the total remittance R can determine the ratio N', while

steady-state R(p) measurement can determine Neff given:

P2 
—Pt ffPR(p) cc --ye e

P
(2)

for p >> t's (Groenhuis et al, 1983, Butler et al, 1985, Bonner et

al, 1987, Nossal et al, 1988, Patterson et al, 1989, Patterson

et al, 1989b), where !Jeff is the effective attenuation
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coefficient in diffusion theory. Combining these two steady-

state techniques, p a and p s ' can be obtained non-invasively:

e fPt f 
1-1 a =

All 3 (1 + AT' )

I-Ls' = liaN'

(3a)

(3b)

Using time-resolved techniques, p a , ps , and g (of a semi-

infinite uniform media) can all be determined non-invasively.

For details, see Chance 1988, Chance et al 1988, Wilson et al

1989, Lokowicz et al 1989, Jacques 1989b, Nossal et al 1989,

Wilson 1989.

The above elegant formulae (1), (2), (3) and the theory

for time resolved techniques are, however, based on uniform

semi-infinite media. Although this greatly improves our

understanding of tissue optics, it does not work for multi-

layered heterogeneous media like skin. Before it becomes

applicable to skin studies, the inverse problem (i.e. algorithm

for deriving pa , ps , and g from R measurements) for multi-

layered media must be solved first. These inverse solutions

are not yet available. However, it has been found in many

clinical applications that the relative changes of the

absorption properties of a specific chromophore are very

useful. In these situations, the steady-state total

reflectance spectroscopy has found many applications.

The measured diffuse reflectance of skin changes

significantly in the 300 to 1100 nm wavelength range depending

on the melanin content in the various skin types. A five fold

difference in reflectance was reported by Kuppenheim and Heer
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(1952) between white and Negro skin. However, for wavelength

larger than 1100 nm, due to the lack of significant absorption

by melanin, the reflectance of dark Negroid and fair Caucasian

skin are about the same (Jacquez et al, 1955b, Anderson and

Parrish, 1981, 1982). In general, the reflectance of Caucasian

skin (see, for example, figure 6-11 in Anderson and Parrish,

1982) is characterized by a low reflectance of less than 10% at

wavelengths shorter than 300 nm. The reflectance rapidly rises

with a maximum of 20-40% around 350-360 nm. From 400-700 nm,

the reflectance continually increases to a maximum of 50-70%.

There are small minima located at about 430 nm, 530-540 nm, and

570-580 nm which can be attributed to haemoglobin absorption in

blood. The general increasing trends of the spectrum

correspond to the melanin absorption characteristics of

decreasing with wavelength As the wavelength is further

increased, reflection declines with marked dips due to water

absorption. These spectral characteristics are the result of a

complex interplay of the intrinsic absorption and scattering

properties of various skin layers. Generally, the absorption

effects of various skin chromophores are obvious. Therefore,

over the years, many applications have been found with the

reflectance spectroscopy in quantifying the relative amount of

various chromophores (melanin, haemoglobin, and bilirubin) in

skin at normal or diseased states or for photobiological effect

studies (Daniels and Imbrie, 1957, Frank et al, 1961, Findlay,

1966, Hannemann et al, 1978, Dawson et al, 1980, Yamanouchi et

al, 1980, Feather et al, 1982, 1988, 1989, Wan et al, 1983,
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Kollias and Bager, 1984, 1985, 1986, 1987, 1988, Leveque et al,

1985, Kollias et al, 1989, Swairjo et al, 1989, Rosen et al,

1990). Other applications of reflectance include quantitative

assessment of skin color (Edwards and Duntley, 1939, Findlay,

1970, Feather et al, 1982, Tang and Wan, 1983, Towne and Hulse,

1990, Weatherall and Coombs, 1992), detection of skin cancer

(Marchesini et al, 1991, 1992), and the oximeter for

determining cutaneous blood oxygen saturation (see, for

example, Brinkman et al, 1949, 1949b, Bowes et al, 1989,

Mendelson et al, 1991, 1991b) etc.. Photography and

computerized imaging techniques which exploit the spatial

distribution of reflectance under broad beam illumination (and

therefore measure the chromophore distribution in a skin

lesion) are also under development by many authors to improve

the diagnosis of skin cancer and other skin diseases (Marshall,

1976, 1980, 1981, 1982, Picton et al, 1976, Cascineli et al,

1987, Murray, 1988, Moss et al, 1989, Perednia et al, 1989,

Herbin et al, 1990, Green et al, 1991, Perednia, 1991, Claridge

et al, 1992, Dhawan and Sicsu, 1992, Golston et al, 1992,

Perednia and White, 1992, Stoecker et al, 1992, 1992b, Stoecker

and Moss, 1992, Umbaugh et al, 1992, White and Perednia, 1992,

Kenet et al, 1993). The successful development and enhancement

of these imaging methods for skin diagnosis will greatly depend

on our knowledge on the optical properties of skin.
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1.1.3 Transport parameters, pi a ,^g, of single skin layers

Currently, no method will allow us to completely determine

optical properties of single skin layers solely from in vivo

measurements. A natural step in skin study is therefore to

investigate optical properties of single skin layers in vitro.

The measurements of transmission and reflection properties of

excised skin layers have a history extending over many decades

(for review, see Tregear, 1966, Magnus, 1976, Parrish et al,

1978, Duck, 1990). In general, the methods for skin sample

preparation affect the measurement results. However, the

absorption of DNA and protein in the UV range and of water in

the IR range is usually obvious on the spectrum curves.

Through these studies, it was eventually elucidated that light

scattering by skin tissue is non-isotropic (Hardy et al, 1956),

strongly forward (Everett et al, 1966, Bruls and van der Leun,

1984), and that the scattering angular distribution can be

approximated by the Henyey-Greenstein phase function (Jacques

et al, 1987b). Reliable and consistent transmission and

reflection measurements for thin epidermis and dermis samples

were reported by Anderson et al, 1979 and Wan et al, 1981 using

the same spectrophotometer setup.

Due to the strong scattering, Beer's law does not hold

when light transmits through skin tissue. The absorption and

scattering parameters cannot be obtained unless a radiation

transport model is employed. It was not until 1973 that Sayre

for the first time obtained the "scattering power SX" and the
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"absorptive power KX" of epidermis by applying the Kubelka-Munk

theory (Sayre, 1973). Anderson et al 1979 and Wan et al 1981

calculated systematically the diffuse scattering (S) and

absorption (K) coefficients of epidermis and dermis from

transmission and reflection measurements and used them to

analyze the in vivo skin remittance by the Kubelka-Munk theory.

The relationship between the Kubelka-Munk absorption and

scattering coefficients K, S and the general transport

parameters ga , 'is , g was only worked out very recently (van

Gemert and Star, 1987).

The absorption coefficient Vta is in units of cm -1 , and its

inverse value 1/11a indicates the mean free path between

absorption events. The scattering coefficient II s is also in

unit cm -1 , and its inverse value 1/11 s indicates the mean free

path between scattering events. The anisotropy g indicates the

angular deflection of a photon's trajectory caused by a

scattering event. The anisotropy equals the expectation value,

<cos0>, where 0 is the photon deflection angle. The

effectiveness of light scattering is described by the product

µs (1-g). A g of zero, corresponding to isotropic scattering

that scatters light randomly in all directions, implies that

the scattering is 10095 effective. If g equals 0.9, then a

photon must be scattered 10 times to achieve the randomization

equivalent to a single isotropic scattering event. If g equals

1, it corresponds to total forward scattering. The effective

(or reduced) scattering coefficient, µ s (1-g), or simply 1.i s i , is

in units of cm -1 too, and its inverse value lhi s i indicates the
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mean free path before a photon's trajectory becomes randomized.

The relationship between the Kubelka-Munk K, S parameters and

the transport parameters, pia , g s , g, are:

Ra = 1K (4a)

µS (1-g) = xS (4b)

where n and x are functions of/[ga (1-g)] and of K/S and

can be found in van Gemert and Star, 1987, van Gemert et al,

1989. If scattering dominates over absorption [g a (1-g) ga],

Eqs. (4a) and (4b) become:

K = 2ga (5a)

S s (1 - g) - ;la (5b)

In a review paper, "Skin Optics", van Gemert et al (1989)

fitted the goniometer measurement data from stratum corneum,

epidermis, and dermis of Everett et al 1966, Bruls and van der

Leun 1984 with the Henyey-Greenstein phase function (Henyey and

Greenstein, 1941) to obtain anisotropy g values. The g for

stratum corneum is approximately 0.9 with a tendency to

increase slightly with increasing wavelength. The g values for

both epidermis and dermis can be approximated by

g 0.62 + X0.29 x 10 -3 (X in nm) (6)

where X is the wavelength of light. The g value at 633 nm

evaluated by this formula is 0.80 which is very close to the

value obtained by Jacques et al, 1987b. They used formulae

(4a), (4b) and the above g values to convert the K, S data of

Anderson et al 1979 and Wan et al 1981 into transport

parameters, g a , pt s . The results are shown in figure 4. For all

skin layers, the scattering coefficient ga are larger than the
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Figure 4. Transport parameters IA., !A s of various skin layers as
a function of wavelength: stratum corneum (from data by Everett
et al, 1966); epidermis (from data by Wan et al, 1981); and
dermis (from data by Anderson and Parrish, 1979). For shorter
UV wavelengths ( < 200 nm) absorption coefficients indicated
by (----) are likely to reach values of g a - 10000 cm -1 . The
dashed line (- - - -) shows the estimated epidermal and dermal
scattering coefficient, assumed equal to each other. (Adapted
from van Gemert et al, 1989.)
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absorption coefficient g s . The fact that the g s decreases

slowly with increasing wavelength and large g values indicates

that the skin tissue scattering is Mie's type and strongly

forward. It must be noted that the absorption coefficient g s in

vitro does not include the contribution of blood found in in

vivo skin.

In recent years, a host of investigators have developed

various techniques and methods to measure the 3 transport

parameters (gs , g s , g) of various tissue in vitro (Cheong et al,

1990). In summary, any three of the following five measurements

will be sufficient to determine the three parameters: (1) total

(or diffuse) transmission for collimated or diffuse irradiance,

(2) total (or diffuse) reflection for collimated or diffuse

irradiance, (3) absorbance of the sample, placed inside an

integrating sphere, (4) unscattered (collimated) transmission

for collimated irradiation, and (5) angular distribution of

emitted light from an irradiated sample. The data processing

methods for determining the three parameters can be classified

into the following categories:

a) Direct Methods which do not depend on any specific

transport model to obtain the optical parameter from

measurements. For example, g t ( cancan be derived

directly from the above measurement (4) using Beer's Law:

T,^exp ( - vi t t)^ (7)

where Tc is the unscattered transmittance, and t the thickness

of the tissue slab.
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b) Noniterative Indirect Methods which require simple

expressions relating the optical properties to measured

transmission T and reflection (R).^For example, one of the

simple expressions is the Kubelka-Munk formulae (Anderson and

Parrish, 1982):

K^1+ R2 - T2
— = ^ 1^ (8a)
S^2R

1^ _,^1- R(K / S +1)
S =^ coth^ (8b)

d (S(K /S + 2) )̂ R[K / S(K /S +2)] 1/2

where d is the thickness of the tissue slab. Then Eq. (4) or

(5) can be used to turn K, S into pt a and µ s (1-g). However, this

method is usually only an approximation because the assumed

diffuse irradiance situation is hard to realize experimentally

(van Gemert et al, 1989, Cheong et al, 1990).

c) Iterative Indirect Methods which use complicated

solutions to the transport equation.^Examples are diffusion

theory (Jacques and Prahl, 1987), adding-doubling model (Prahl

et al, 1993), and Monte Carlo (Wilksch et al, 1984, Peters et

al, 1990).^Iterative algorithms may be computing intensive,

but generate more accurate parameters.

Transport parameter determination of skin tissue by

iterative algorithms have been reported by Jacques and Prahl

1987, Jacques 1991b, Marchesini et al, 1992b, Graaff et al,

1993. Some of the new data showed agreement with the data

compiled by van Gemert et al, 1989, but some did not. The data

in van Gemert et al, 1989 are still the most complete and self

consistent transport parameters of skin tissue available today.
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These data were, therefore, used for Monte Carlo simulation in

this thesis. In the future, however, it would be definitely

worth-while to explore a more detailed and complete

determination of the transport parameters of various skin

layers at different wavelengths using iterative algorithms.

As mentioned in Section 1.1.2, more recently, spatially

resolved and time-resolved reflectance measurements are being

exploited to determine the tissue transport parameters non-

invasively. Other non-invasive methods include pulsed

photothermal radiometry (PPTR) (Long et al, 1987, Anderson et

al, 1989, Prahl et al, 1992) and photoacoustic effects (MacLeod

et al, 1988). However, the photoacoustic method can measure

only the absorption coefficient. To apply the PPTR and the

reflectance methods for in vivo skin transport parameters

determination, more theoretical studies on solving the inverse

problem of multi-layered media are required.

1.1.4 Autofluorescence of skin

Autofluorescence of skin is the fluorescence emission of

natural fluorophores inside the skin tissue upon excitation by

absorption of certain wavelength of light. When laser light is

used for excitation, it is called laser induced fluorescence

(LIF) by some authors. Figure 5 shows the photon absorption,

fluorescence emission, and other accompanying physical

processes^schematically.^More^general^treatises^on

fluorescence can be found in Becker, 1966, Guilbault, 1973, and
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Figure 5. Schematic diagram of some physical processes relevant
to fluorescence emission. Following absorption of a photon,
the molecule will be excited from the ground state S o to some
vibrational energy level of the first excited singlet S 1 . Then
it very rapidly relaxed to the zero vibrational state of S 1 (in
10 -12 sec.). The molecule will return to the ground state from
there by either internal conversion (generating heat) or
emission of a photon (fluorescence). It may also transit to
the first triplet state T 1 through intersystem crossing. The
molecule at T 1 will return to S o through either internal
conversion or photon emission (phorsphorescence). Because the
transition from T 1 to S o is forbidden, the life time of
phosphorescence could be as long as 1 ms to 10 sec. Not shown
in this diagram are other processes including a permanent
structure change of the molecule and chemical reaction of the
excited molecule with an appropriate nearby molecule.
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Lakowicz, 1983. Skin autofluorescence was observed as early as

in 1908 according to Anderson and Parrish (1982). The device

used is now called "Wood's lamp" which consists of a mercury

discharge lamp and a WA-transmitting, visible-absorbing

filter. When using this device to observe skin

autofluorescence, apparently, the eyes serve as both the

detector and the long pass filter. The eye is not sensitive to

the UV light, but is very sensitive to the visible light.

Dermatologists have since used the organism's particular

fluorescence to diagnose infections such as tinea capitis,

erythrasma, and some Pseudomonas infections. The Wood's lamp

can also be used to detect porphyrins in hair, skin, or urine

(Caplan, 1967). Another application of Wood's lamp is that of

visualizing subtle changes in epidermal melanin pigmentation

and assessing whether pigmented lesions are due to epidermal

versus dermal deposition of pigments (Gilchrest et al, 1977).

Hoerman (1971) reviewed most of the early spectroscopic

studies of skin autofluorescence. Those studies concentrated

on the UV light excited fluorescence. It was proven that the

ring-membered amino acid residues, tryptophan and tyrosine in

skin protein contents, fluoresce at 353 nm and 303 nm (maximum

wavelengths), respectively with a maximum excitation band near

280 nm. The skin autofluorescence at these wavelengths is

quite strong and may cause significant error to the dermal

transmission measurements (Anderson and Parrish 1982). Another

important discovery was the visible skin autofluorescence

peaked at about 405 nm which, by its apparent high efficiency
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and excitation maximum (X,'-' , 340 nm), does not support its

origin from the primary protein structure. It was suggested

that this fluorescence may be due to the cross-links of

collagen and/or elastin (Labella, 1971). But the successful

isolation of the fluorophore(s) has not yet been achieved and

therefore, at the present time, the fluorophores responsible

for the visible autofluorescence of skin are still unknown.

Other fluorescence species in skin were also found but were

thought to be insignificant comparing to the strong in vivo

autofluorescence signal. For example, NADH (nicotinamide

adenine dinucleotide) has a peak emission at X 460 nm after

excitation at X 'A-, 340 nm. Using a microspectrograph with

fluorescence measuring capabilities, Caspersson et al (1965)

found that some dermal autofluorescence (DAF) cells fluoresce

with a peak at X,==', 500 nm. However, macroscopically, this

emission is inconsequential compared to the total fluorescence

of skin arising from such fluorophores as ring-membered amino

acids in collagen and glycoproteins.

Although the natural fluorophores responsible for most of

the visible autofluorescence of skin have not yet been

identified, skin autofluorescence has been applied in skin

disease diagnosis. More recent applications of skin

autofluorescence include skin cancer detection (Lohmann et al,

1988, 1991) and photoaging study (Leffell et al, 1988). Prior

to this thesis work, all reported skin autofluorescence studies

used UV excitation. However, recently, tissue autofluorescence

of other organs excited by both UV and visible light have been
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demonstrated and used to improve the diagnoses of various

diseases including atherosclerotic plaque and cancer of various

tissues (Alfano et al, 1984, 1987, 1988, Kittrell et al, 1985,

Satori et al, 1986, 1988, Deckelbaum et al, 1987, Montan and

Strombland, 1987, Yang et al, 1987, Clarke et al, 1988,

Oraevsky et al, 1988, Tang et al, 1989, Richards-Kortum et al,

1989, 1991, Cotheren et al, 1990, Kapadia et al, 1990, Lucas et

al, 1990, Anderson-Engels et al, 1991, Hung et al, 1991, Palcic

et al, 1991, Schomacker et al, 1992, Lam et al, 1993). In this

thesis, a complete study on the spectroscopic characteristics

of skin autofluorescence was carried out using both UV and

visible light excitation.

Tissue autofluorescence has many different characteristics

when compared to fluorescence from low concentration solutions.

Tissue reabsorption and scattering will distort the shape of

fluorescence spectrum (Anderson 1989, Keijzer et al, 1989b,

Richards-Kortum et al, 1989, 1989b). Ignoring these

characteristics may lead to incorrect interpretation and

inappropriate use of the fluorescence spectra. For example,

Alfano et al (1987) interpreted two peaks at 554 nm and 600 nm

on the lung tissue autofluorescence spectra to be originating

from melanins and porphyrins respectively. But these two peaks

are actually due to the blood absorption because, beside the

two peaks, there are two valleys located at 540 nm and 580 nm

which correspond to the oxyhaemoglobin a- and p- absorption

bands. For comments on the inappropriate use of the in vivo

skin autofluorescence for photoaging study by Leffell et al,
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(1988), see Anderson 1989. More recently, theoretical studies

have been initiated to calibrate the distortion of tissue

fluorescence spectra (Richards-Kortum et al, 1989b, Gardner et

al, 1993). We proposed a combined autofluorescence and diffuse

reflectance measurement to assist the correct interpretation of

skin autofluorescence spectra (Zeng et al, 1992, 1993). This

idea was further explored in this thesis.

Tissue fluorescence measurements are complicated by tissue

optical properties in two aspects: (1) absorption and

scattering will lead to a non-uniform distribution of

excitation light inside the tissue, therefore, different

regions will have different excitation intensity; (2) when

fluorescence light escapes from the tissue, it will be modified

by the tissue scattering and absorption again, fluorescence

sources located at different depths will have different escape

efficiencies. Very recently, these processes have drawn the

attention of some theoretical workers. Monte Carlo simulation

was used to model these processes (Keijzer et al, 1989b, Crilly

et al, 1992, Gardner et al, 1993, Tinet and Avrillier, 1993).

However, these researches all assumed uniform fluorophore

distribution in a semi-infinite medium or used average

fluorophore distribution derived from macroscopic measurements.

This is far from reality in the tissue. In this thesis, the

natural fluorophore distribution and spectral differences in

skin tissue was determined byusing a novel

microspectrophotometer (MSP) developed by us specifically for

this work (Zeng et al 1993b, 1993c). The Monte Carlo
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simulation was then used to model the excitation light

distribution in and autofluorescence escape from skin tissue

based on such obtained experimental data.

When performing in vivo skin autofluorescence

measurements, we noted that the fluorescence signal decreases

during continuous laser exposure (Zeng et al, 1993d). We

postulated that the decay dynamics of skin autofluorescence are

determined by (1) the excitation light distribution pattern in

skin tissue, (2) the number of fluorophore types and their

chemical environments, (3) the escape process of fluorescence

light, and (4) that the non-invasive measurement of the decay

dynamics may be used to determine various information about the

skin, especially, to determine the fractional contributions of

different skin layers to the total in vivo autofluorescence

signal. In this thesis, the autofluorescence decay dynamics,

which has never before been reported by others, was measured

quantitatively and analyzed mathematically. The above

postulates were then examined and elaborated in detail by

combining the in vitro microscopic, in vivo macroscopic

measurement results and theoretical modeling.

1.2 Objective and outline of this dissertation

The primary objective of this thesis was to test the

hypotheses: (1) that skin optical properties can be

quantitatively modeled and (2) that in vivo spectroscopic

measurements can be used to derive information about skin
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structures. Both theoretical and experimental procedures were

used to test these hypotheses. A computerized autofluorescence

and diffuse reflectance spectroanalyser system was built using

fiber optics and optical multichannel analyzer (OMA), allowing

very rapid spectra acquisition. A combined diffuse reflectance

and auto-fluorescence measurement procedure was implemented to

assure correct interpretation and calibration of the

autofluorescence spectra. A novel fiber alignment mechanism

was designed and developed to construct a unique

microspectrophotometer (MSP) system for measuring the

microscopic distribution of natural fluorophores in the skin

tissue and their intrinsic fluorescence properties. A skin

optical model was developed and Monte Carlo simulation was used

to model the light distribution as well as fluorescence escape

from the model skin.

This dissertation consists of five chapters. Chapter 1 is

an introduction (this chapter) which gives the background of

this thesis and a review of skin tissue optical property

studies. Chapter 2 describes the methodology of experimental

measurements and theoretical modeling. Chapter 3 presents the

spectroscopic properties of human skin obtained by macroscopic

in vivo measurements. Chapter 4 is dedicated to understanding

the dynamics of skin autofluorescence decay. Microscopic in

vitro measurement results on excised skin tissue sections are

presented. A skin optical model is developed and Monte Carlo

simulation is used to solve the Boltzmann equation of radiative

transfer for the model skin. Finally the physical meaning of
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the autofluorescence decay dynamics is elucidated. The thesis

hypotheses were proven to be positive.^Chapter 5 is the

conclusion of this dissertation.^The major progress in

understanding skin optics is summarized and future research

directions are discussed.
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CHAPTER 2:^METHODOLOGY OF EXPERIMENTAL MEASUREMENTS AND

THEORETICAL MODELING

2.1 Combined autofluorescence and diffuse reflectance spectro-

analyser system

When starting this thesis research, we found that in the

literature, the autofluorescence and diffuse reflectance

methods are used separately in skin and other tissue optics

studies. However, tissue reabsorption and scattering distort

the shape of fluorescence spectrum. We, therefore, proposed a

combined autofluorescence and diffuse reflectance measurement

procedure so that we can use the reflectance spectrum to assist

the correct interpretation or calibration of the fluorescence

spectrum (Zeng et al, 1992, 1993). We employed fiber optic

sampling and OMA techniques to realize this procedure. By

choosing a high-gain microchannel plate intensified photo-diode

array (PDA) detector for spectrum detection and large core

diameter (1 mm) fibers for both illumination and signal pick-

up, we detected measurable autofluorescence from skin in vivo

when excited by a conventional light source (1000 W xenon lamp)

instead of a laser. The same light source is bright enough for

diffuse reflectance measurements. A specially designed fiber

holder was used to hold the two fibers and is suitable for both

types of spectroscopy. For quantitative measurements, we

employed a microcomputer controlled EG&G OMA and chose a 14-bit

A/D converter to obtain a large dynamic range. The
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reproducibility of the reflectance spectrum obtained by this

system was measured to be better than 0.70.

2.1.1 Materials and methods

Two 1 mm core diameter fused silica fibers (3M company,

spectral transmission range: 200 nm to 2400 nm, N.A. = 0.18)

were used to deliver illumination light and to collect

reflected light or fluorescence light. A special fiber holder

was designed to hold these two fibers; figure 6 shows the side

view and the top view of the fiber holder. The two fibers were

mounted on two quarter circle arms which are co-centered so

that they always project to the same point on the skin surface.

The two fibers could be moved along the two quarter circle arms

in the range of 0 to 90 degrees with some limitations (shown in

figure 6) at the two ends due to the size of the fiber clip.

The two quarter circle arms could move along the bottom

supporting ring in the range of 0 to 360 degrees. Therefore,

the two fibers could be set over almost any angular position in

the three-dimensional space. The distance from the fiber tip

to the skin surface could also be set such that the spot size

of the illumination light and the sampling area of the

detection fiber could be changed as desired.

Figure 7 shows the set-up of the spectroanalyser system,

which consists of a tunable light source, fiber holder, OMA,

and a computer. The tunable light source (PTI A5000) is a



^ TOP VIEWL

BOTTOM SUPPORTING RI QUARTER CIRCLE ARM

QUARTER CIRCLE ARM

FIBER CLIP
85 degrees

SIDE VIEW

5 degrees BOTTOM SUPPORTING RING
\^I^\^7

10 degree

36

Figure 6. Top view and side view of the fiber holder.
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1000 W xenon lamp plus a monochromator to select the

wavelength. The emission spectrum range of the xenon lamp is

from 200 nm to 1100 nm. The monochromator provide a narrow

bandwidth output when used for autofluorescence measurements.

The wavelength could be adjusted manually or by the computer

through a stepper motor. The light from the monochromator was

focused onto a 1.0 mm fiber which was used to illuminate the

skin. Reflected light or fluorescence light from the skin was

collected by the detection fiber in the fiber holder and

transmitted to the fiber adapter on the OMA. The collected

light was then focused onto the entrance slit of the

spectrograph (Jarrell-Ash Monospec 27), with a 150 grooves/mm

grating, blazed at 450 nm, yielding a 0.59 nm/element sampling

density. A 25 gm entrance slit was used. The spectral

resolution was measured to be 1.5 nm FWHM (full width at the

half maximum). The detector is an intensified 700-element

silicon linear diode array (EG&G PARC, model 1455R-700HQ,

response wavelength range: 200 nm - 900 nm). The detector was

interfaced to the computer through the model 1461/2 detector

interface/controller with a 14-bit analogue-to-digital

converter. The actual measurement wavelength range could be

changed by adjusting the grating in the spectrograph. A 400 nm

measurement window can be covered by this detector, grating

combination. The whole spectrum curve in the 400 nm window is

acquired simultaneously by the linear array detector. The

computer^performs^the^data^storage,^spectral

display/processing, and spectrum printout.
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The effects of dark noise in the detector were reduced by

background subtraction using the OMA software. Spectral

calibration was performed using a known spectrum of a low-

power, low-pressure mercury-argon lamp (Oriel Corporation,

model 6035). When performing fluorescence measurements,

intensity calibration was made using the EG&G Gamma Scientific

RS-l0 standard lamp and the supplied spectral data. The

intensity calibration enabled the calibration of the wavelength

dependence of the response of the complete system.

When measuring autofluorescence, the system was set up as

follows:

(1) the monochromator was used to select the excitation

wavelength;

(2) a corresponding interference band pass filter was

inserted after the exit slit of the monochromator to suppress

the stray light; and

(3) a long pass filter was placed into the OMA fiber

adaptor to block the reflected excitation light.

At times, the illumination fiber was connected to a 442 nm

He-Cd laser which was also used for tissue autofluorescence

excitation. The fiber holder was placed onto the skin site of

interest and by changing the gain of the detector and the

exposure time (typically 1 second), good quality fluorescence

spectra (displayed in near real time on the CRT screen) could

be obtained, calibrated, and stored.

Fluorescence spectrum data are presented in the literature

by plotting intensity values using either the dimension of
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power (e.g. in the unit of mW), which we denoted as I(X), or

photon counts per unit time, which we denoted as /,(X). /(X)

and /,(X) curves will have different shapes according to the

relationship:

/,(X) cc I(X)/hv x XI(X) (9)

where X is the wavelength, v the frequency of light, and h is

Planck's constant. For quantitative measurements, we performed

intensity calibration and chose to use /,(X) with the unit of

"fluorescence photon counts per unit time (arbitrary units)" or

briefly "photon counts (a.u.)".

When measuring diffuse reflectance, the system was set up

as follows:

(1) the monochromator was set to allow zero-order white

light to pass through;

(2) a long pass filter was placed at the output port of

the monochromator to block out harmful UV radiation and /or to

select the short-wavelength end of the spectrum measurement

window.

For quantitative measurements of diffuse reflectance, a

reference spectrum was first collected using a standard disc

with constant reflectance, independent of the wavelength, then

the collection of the spectra from the selected skin site

followed. The division of the skin spectrum by the reference

spectrum gives the diffuse reflectance spectrum. Direct

regular reflection from the surface can be avoided by placing

the detection fiber at an angular position different from the

specular reflection direction of the incident light.
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An Oriel certified standard disc of diffuse reflectance

(Oriel Corporation, Model 70496) was used as the reference

material for diffuse reflectance measurements. This disc has

constant reflectance over a wide wavelength range (from 250 nm

to 2500 nm), and is an almost perfect Lambertian diffuser. It

is more durable than traditional thick barium sulphate coatings

or magnesium oxide blocks (Oriel Manual).

Unless mentioned otherwise, in our measurements, the

illumination fiber was set to be 5 ° from normal (a = 5 °); the

pick-up fiber was 30° from normal c(3 30°); while the two

quarter circle arms were set to be perpendicular to each other

= 90°).^In this way, the regular reflection due to the

refractive index mismatch at the air-skin boundary was avoided.

To test the reliability of the system, we performed 50

repeating measurements at a fixed skin site. Figure 8 shows

the 50 reflectance curves. At the wavelength of 540 nm, the

reflectance values from the 50 curves were read and the mean

and the standard deviation were then calculated. The ratio of

the standard deviation to the mean (the coefficient of

variation) was 0.7 96.

2.1.2 Demonstration of autofluorescence spectrum distortion by

tissue reabsorption

Figure 9(a) shows the autofluorescence spectra of a

hyperkeratotic skin (HKS) from a Chinese volunteer's finger and

its surrounding normal skin. Also shown is a spectrum
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Figure 9. (a) Autofluorescence spectra of a hyperkeratotic
stratum corneum (HKS) on a Chinese volunteer's finger and its
surrounding normal skin. The excitation wavelength is 380 nm.
(b) Ratio spectrum of the autofluorescence of normal skin to
that of the HKS on an Oriel standard disc.
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measured from a slotted scar plaque of hyperkeratotic stratum

corneum placed on the Oriel standard disc. Comparing the

spectrum for the HKS to that of the normal skin, we found that

although the respective maxima are at the same wavelength (470

nm), the shapes of the spectra are quite different. The

spectrum of the HKS is quite smooth, while for the normal skin

spectrum, a small shoulder is evident at 600 nm. This shoulder

might be interpreted as coming from an additional fluorophore.

The results of the division of the normal skin spectrum by the

HKS spectrum suggest that the shape difference may be caused by

the skin tissue reabsorption of the fluorescence light. Figure

9(b) shows the ratio spectrum of the autofluorescence of normal

skin to that of the HKS. The two oxyhaemoglobin absorption

valleys are now clearly seen. There was no blood, therefore,

no haemoglobin in the HKS; the small shoulder at 600 nm on the

normal skin spectrum was caused by the strong haemoglobin

absorption.

2.2 The novel microspectrophotometer system based on a fiber 

optic alignment mech-nism

To study the microscopic morphology and spectroscopy of in

vitro skin tissue sections, a microspectrophotometer (MSP) was

needed. This is a microscope with a capability of measuring

the spectroscopic properties of selected, localized areas of

microscopic objects as small as a few microns. MSPs have been

developed and used in biological and biophysical studies for
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many years. Examples include cell staining (Wied et al, 1969,

Holmquist et al, 1976, Galbraith et al, 1979, Halaby and Vance,

1979, Turner et al, 1990), spectral response measurements of

photoreceptor cells and visual pigments (Knowles and Dartnall,

1977, MacNichol, 1977, Archer and Lythgoe, 1990, Bowmaker et

al, 1991, Govardoviskii et al, 1991), lateral diffusion studies

of visual pigments (Gupta and Williams, 1990), enzyme activity

monitoring in tissue sections (Lomax et al, 1989),

characterization of the fluorescent morphological structures in

human arterial wall (Baraga et al, 1991), measurement of

optical density of vascular tissue (Schwarzmaier et al, 1992),

cellular bioluminescence (David and Galbraith, 1975) and

cellular fluorescence measurements (Caspersson et al, 1965,

Moser et al, 1992, Schneckenburger et al, 1992, Seidlitz et al,

1992, Wessels et al, 1992, ). However, all existing MSPs have

in common a need for a structure in which specially designed

alignment optical and photometric measurement parts must be

mechanically attached to the microscope. Commercialized

attachments are only available from E. Leitz and Carl

a number of their microscopes (Richardson, 1991).

thesis, we developed and built an easy-to-construct

to-use MSP system based on a novel fiber alignment

(Zeng et al, 1993b).

Zeiss for

For this

and easy-

mechanism
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2.2.1 MSP system configuration

Figure 10 shows the setup of the MSP system. Its major

components are a microscope (Nikon), an OMA, a CCD video camera

(Sony), and a computer. It has all the functions of a

conventional microscope plus the ability to perform spectral

analysis on selected micro areas of a microscopic sample.

The sample for examination is placed on the microscope

stage. The microscope has its own white light illumination

setup (Halogen lamp, mirror Ml, condenser, etc.) which can be

used for transmittance or absorbance measurements. For

fluorescence measurements, a 442 nm He-Cd laser light was

conducted to the microscope for excitation illumination through

a 100 ilm optical fiber which has a microlens on its output end.

A 470 nm long pass filter was inserted after the objective to

block transmitted laser light while passing long wavelength

fluorescence light. The white light image or fluorescence

image of the sample was formed on the image plane indicated in

figure 10 and was also visible through the eyepiece.

Optionally, the image could be deflected by a movable mirror

(M2) and focused onto a CCD video camera which was connected to

an image processing board (Matrox Electronic Systems Ltd.) in

the computer. Therefore, images could be acquired by the

computer for storage and/or further processing.

An optical fiber was mounted into one of the image planes

of the microscope to collect light from a specific micro area

of the sample. The collected light is transmitted via the
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Figure 11. Microscopic image of Pap-stained cervical cells.
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Figure 12.^Absorbance spectra of the cytoplasm and nuclear
areas of the Papanicolaou-stained cervical cells indicated in
figure 11.
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fiber to the OMA for spectral analysis.^The same fiber can

also be disconnected from the OMA port and then connected to an

auxiliary light source to conduct light in the reverse

direction into the microscope image plane. In this case, the

end of the fiber becomes a bright object. Since the image

plane is conjugate with the focused sample plane, according to

the principle of reversibility of light, the bright fiber end

is imaged onto the sample. This image of the fiber end is

visible through the eyepiece as a bright circular spot. This

bright spot is positioned exactly where the light collected by

the fiber for spectral analysis will originate. One can move

the stage to select the spot to be analyzed. Different core

diameters of fibers can be used to change the size of the

analysis area.^The spectral analyses were performed by the

OMA.^The computer controls both the image and the spectrum

data acquisition and processing.^The acquired spectra and

images were displayed in near real time on VGA monitor and RGB

analog monitor, respectively.

2.2.2 Reliability test of the MSP system

To test the reliability of the MSP system, we measured the

absorbance spectra of Papanicolaou-stained cervical cells

smeared on a microscopic slide. Figure 11 shows an image of a

part of a sample being analyzed. The bright circular spot is

the image of the fiber end when it was placed into the image

plane of the eyepiece and was connected to the auxiliary light
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source.^The mirror M2 (in figure 10) prevents simultaneous

viewing and video camera recording when the fiber is in its

usual position.^An image was captured in this fashion to

demonstrate the alignment principle. In practical

measurements, the fiber was mounted into another image plane as

shown in figure 10. Once the fiber is fixed, the position of

the bright spot in the field of view is also fixed. The slide

can then be moved such that different areas of the slide occupy

this location and can be analyzed.

The microscope glass slides are optically homogeneous

material; their transmittance is uniform from point to point

and from slide to slide (Halaby and Vance, 1979). We verified

this for slides used in our laboratory. To obtain the

absorbance spectrum of a cell component, a reference spectrum

was first recorded at any cell-free location on the slide, then

a spectrum at a cell area of interest (nucleus or cytoplasm)

was recorded. Division of the two spectra gave the

transmittance spectrum, while the absorbance was obtained by

calculating the negative value of the logarithm of the

transmittance. The sizes of the nuclei shown in figure 11 were

- 10 gm diameter. The detection fiber used had a 600 gm core

diameter, the objective had a 60x magnification power, and the

projection lens had a 2.5x magnification power. The resulting

sampling spot diameter on the slide was 4.0 gm (600 gm/(60 x

2.5)) which was consistent with the measured value found

through the eyepiece reticules. Figure 12 shows the measured

absorbance spectra corresponding to the cytoplasm or nuclear
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areas indicated in figure 11. The shapes of these spectra are

in accordance with the colors seen under the microscope and are

also consistent with those reported in the literature

(Galbraith et al, 1979), proving the reliability of our MSP

system.

In summary, our new MSP has the following characteristics

comparing to conventional MSPs:

(1) it is easy to build, any kind of multi-port microscope

can be used, and no special attachments for the microscope

except for an optical fiber are needed;

(2) it is easy to use and to determine the sampling area

due to the unique alignment mechanism; and

(3) it has a higher spectral resolution and shorter data

acquisition time due to the OMA solid array detector. For

comparison, conventional MSP systems acquire spectral data in 5

nm to 15 nm intervals (Holmquist et al, 1976, Halaby and Vance,

1979, Galbraith et al, 1979, Turner et al, 1990,

Schneckenburger et al, 1992), while this system acquires data

in 0.59 nm steps and has a spectral resolution of 1.5 nm FWHM

when a 25 pm entrance slit is used.

2.3 Method for quantitative monitoring of CW laser induced 

changes in autofluorescence of in vivo skin

2.3.1 Experimental setup
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The measurements of in vivo skin autofluorescence decay

during continuous laser exposure were carried out by using the

spectroanalyser system described in section 2.1. Figure 13

shows the system configuration and some modifications for this

purpose. A 100 vtm core diameter fiber with microlens was used

to conduct a 442 nm He-Cd laser light to continuously

illuminate the selected skin site. The microlens attached to

the fiber was used to achieve uniform illumination. The

excited autofluorescence light was collected by a large core (1

mm) diameter fiber and transmitted to the OMA for spectral

analysis. The two fibers were held by a fiber holder which

keeps the two fibers co-centered and allows the illumination

and detection angles to be varied. The distance from the fiber

tip to the skin surface, and therefore, the illumination spot

size and the detection area size may also be easily adjusted as

desired. A 470 nm long pass filter was inserted into the light

path on the OMA side to block the scattered excitation laser

light while allowing the longer wavelength fluorescence light

to pass through. During laser induced autofluorescence decay

experiments, the computer controlled OMA was programmed to

acquire the autofluorescence spectra at constant time intervals

with a constant exposure time. Typically, for each spectrum,

we selected a 5 second exposure time. The data transfer took

0.51 seconds, thus the time interval (or sample time) between

each spectrum was 5.51 seconds.^For each skin site, 120

spectra were obtained continuously in about^11 minutes
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(5.51 sec. x 120).^All 120 spectra were stored in a single

file for further processing.

2.3.2 Methods for removing signal fluctuations

During a period of 11 minutes of data acquisition on in

vivo human skin, it was impossible to assure that there were no

relative movements between the fiber holder and the

investigated skin site. Two measures were thus taken to reduce

the measured autofluorescence signal fluctuations caused by the

mentioned relative movements and the laser output power

fluctuations:

(1) In order to minimize errors due to horizontal

movements of the fiber holder, a large illumination spot (10 mm

diameter) and a small detection spot (3 mm diameter) were

selected to assure that the detected signal always came from a

continuously exposed area even if the fiber holder were to move

in a parallel direction to the skin surface.^Before each

experiment, a visual check was performed by viewing through a

480 nm long pass edge filter (Omega Corp.) at the uniformly

illuminated area to select a uniformly fluorescing skin site

for the laser exposure.

(2) Vertical movements of the fiber holder relative to the

skin surface could change the fluorescence collection

efficiency and therefore, cause the measured fluorescence

signal to fluctuate.^We found that during the whole laser

exposure processes, the diffuse reflectance of the exposed skin
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did not change significantly. Two observations support this.

First, the laser peaks appeared on the 120 fluorescence spectra

showed no significant increasing or decreasing trends, but

fluctuations always existed. Second, in the white light

(diffuse reflectance) images of the exposed area, there were no

visible or measurable intensity and color changes between the

exposed area and the surrounding unexposed area. In addition,

Kollias (1984) reported that to bring pigmentation (color)

changes of human skin, in vivo, with visible and IR light

irradiation, a minimum exposure intensity of 200 mW/cm 2 and 15

minutes of exposure time are needed. We used a maximum

exposure intensity of 64 mW/cm2 and a exposure time of 11

minutes. Therefore, if the vertical movements of the fiber

holder or the intensity changes of the excitation laser light

were to affect the fluorescence detection efficiency, they

should affect the diffuse reflectance detection efficiency by

the same amount. Hence, the ratio of the fluorescence signal

to the laser peak signal (there is always a very small signal

of scattered laser light that passes the LP filter, appropriate

LP filter was chosen to make the laser peak comparable with the

autofluorescence signal.) cancels the fluctuations caused by

the laser power fluctuation and the relative movement between

the fiber holder and the investigated skin site.

2.3.3 Data processing

The data processing was completed in two steps:
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(1) A program was written to read the data file containing

the 120 spectral curves, to calculate the intensity value of

the laser peak (denoted as a 0) and the area a i under the

spectral curve over a certain wavelength band (i.e. 10 nm)

surrounding a selected central wavelength X i for each of the 120

spectral curves. In one run, the program can calculate 12 a i at

12 different wavelength X i . The ratio a i/a o was then calculated

and divided by the a i/a o value of the first spectrum curve to

normalize the maximum a i/a o to 1.^We denoted the normalized

ai/a o quantity by I(t).^I(t) is a function of time and

represents the autofluorescence decay.^Figure 14 illustrates

this data processing step graphically.^Figure 14a shows the

original data containing the 120 spectral curves. Figure 14b

shows the laser peak intensity (a 0) change as a function of

time. Figure 14c shows the calculated area a i of a selected

wavelength band decay with increasing time, significant

fluctuations can be seen on this curve. Figure 14d is the a i/a o

ratio versus time curve. This curve is much smoother than that

in figure 14c and is denoted as the I(t) curve.

(2) The I(t) data was imported to the non-linear

regression program of the BMDP software package (BMDP

Statistical Software, Inc.) for exponential fitting. First, a

single exponential fit was completed and residuals were

checked.^If the residuals were not randomly distributed, a

double exponential fit was carried out, and residuals were

checked again. The number of exponential terms were increased

until a random residual distribution was achieved and a good
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fit was obtained. After that, one more fit was attempted with

one additional exponential term, and the residual distribution

and fit were checked. Usually, this additional term fitting

yielded a poor fit, confirming the previous fitting as the best

one.

2.3.4 Method for monitoring the autofluorescence recovery

after laser exposure

For short term monitoring of the autofluorescence

recovery, autofluorescence spectrum measurements were performed

immediately after the laser exposure was terminated. For long

term monitoring, autofluorescence imaging methods were used.

The setup of the imaging system is shown in figure 15. A

uniform illumination was achieved by the same optical fiber as

shown in figure 13. A small hole was drilled on the camera

lens shield to let the fiber pass through. An adjustable

support bar was attached to the shield to hold the fiber and

adjust its position. The autofluorescence image was acquired

by a Sony 3-chip CCD color camera. A 480 nm long pass edge

filter (Omega Corp.) was used to cut out the scattered laser

light so that it did not interfere with the fluorescence

imaging. The images were digitized by an image processing

board (Matrox Electronic System Ltd.) and displayed on an RGB

analog monitor under the control of a computer. Immediately

after terminating the laser exposure, the exposed skin site was

seen as a dark but detectable circular spot in the fluorescence
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Figure 15. Autofluorescence imaging system for monitoring in
vivo skin autofluorescence recovery after laser exposure.
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image. During the recovery process, this dark spot eventually

became as bright as the surrounding tissue.

2.3.5 Safety consideration of the experiments

The maximum illumination power density used in these

experiments was 64 mW/cm 2 at 442 nm for 11 minutes exposure.

This is unlikely to be harmful to human skin because the total

power density at the earth's surface of 400 nm to 500 nm

sunlight is estimated to be 14 mW/cm 2 and the power density

required to burn skin is 420 mW/cm2 (Tregear, 1966). In

addition, the 442 nm wavelength is well away from the

carcinogenic UV light bands. We also monitored the temperature

rise of the exposed skin site during the laser exposure. The

temperature rise was less than 0.2 °C as measured by a thermo-

couple and therefore, no harmful thermal effects were

generated.

2.4 Radiative transfer theory and Monte Carlo simulation of 

light propagation in biological tissue 

Historically, the problem of wave propagation in random

media has been investigated theoretically from two distinct

points of view (Ishimaru, 1978). One is "radiative transfer

theory" or "transport theory", and the other is "multiple

scattering theory" or "analytical theory". Analytical theory

starts with basic differential equations such as the Maxwell
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equation, obtains solutions for a single particle, introduces

the interaction effects of many particles, and then considers

statistical averages. It is mathematically rigorous in the

sense that in principle, all the multiple scattering,

diffraction, and interference effects can be included.

However, practically, it is almost impossible to obtain the

exact properties of all skin components. It is mathematically

difficult to treat their multiple scattering interactions

because skin is irregularly shaped, has hair follicles and

glands, is inhomogeneous, multi-layered, and has anisotropic

physical properties. Radiative transfer theory, on the other

hand, deals with the propagation of intensities. It is based

on phenomenological and heuristic observations of the transport

characteristics of intensities. The basic differential

equation is called the transport equation and is equivalent to

Boltzmann's equation in the kinetic theory of gases and in

neutron transport theory. To determine the light propagation

in tissue by the transport equation, only the average

absorption coefficient g a , scattering coefficient g s , and the

scattering phase function p(0) are needed. These parameters

can be measured experimentally. The transport theory has been

found very useful in tissue optics studies. The following is a

detailed description of the transport theory and the Monte

Carlo simulation method for numerical solutions of the

transport equation.



63

2.4.1 Transport theory

A basic quantity in the transport equation is the specific

intensity or radiance L(r,^) which denotes the average power

flux density within a unit solid angle along direction s, at

position r, and has the unit W/cm 2/sr. The flux density vector

10(r) (its quantity is the fluence or radiant flux rate per unit

area) is related to L(r,^) by

c(r) L(r,^)s dco (10)

where do) is the differential solid angle.

If a specific intensity L(r,^) is independent of the

direction s, then the radiation is said to be "isotropic". If

the specific intensity radiated from a surface da is isotropic,

then the power P radiated from this surface da in the direction

s is given by

P (W sr -1 ) = (Lda) cos() = P0 cos° (11)

where 0 is the angle between the direction s and the normal to

the surface da. This relationship (Eq.11) is called Lambert's

cosine law.

Although the transport theory ignores the wave properties

of the radiation, the radiance can be proven to be the sum of

all Poynting vectors whose tips are located within a solid

angle in the direction s and related to the mutual coherence

function used in the analytical theory through a Fourier

transform. This also means that even though transport theory

was developed on the basis of the addition of powers, it
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contains information about the correlation of the fields

(Ishimaru, 1978).

The transport equation reads:

(s•V)L(r,^) = -(g a + gs)L(r,^)

+ ga Jon p(s,s 1 )L(r,s 1 )do' + c(r,^)^(12)

where ga (cm-1) and ils (cm -1) are the absorption and scattering

coefficients, respectively, p(s,s') is the phase function 2

representing the probability that a photon is scattered from

direction s into direction s'. It depends only on the angle 0

between s and s assuming that the scatters are randomly

distributed over the tissue volume. The Henyey-Greenstein

phase function is a good approximation for skin tissue (Jacques

et al, 1987b):

1^1 - g2
p(0) =

4n (1 + g 2 - 2g cos 0) 3/
'
2

(1 3)

The integration in Eq. (12) is over all 4n steradians of solid

angle in a spherical coordinate system. Eq.(12) is the result

of energy conservation. The left side of the equation denotes

the radiance change rate in the s direction. The first term of

the right side denotes the losses in L(r,^) per unit of length

in the s direction due to absorption and scattering. The

second term denotes the gain in L(r,^) per unit of length in

the s direction due to scattering from all other direction s'.

The radiance L(r,^) may also increase due to light emission

2 The name "phase function" has its origin in astronomy
where it refers to lunar phases. It has no relation to the
phase of a wave. See Ishimaru, 1978.
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(e.g. fluorescence emission) from within the volume ds. The

E(r,^) denotes the power radiation per unit volume per unit

solid angle in the s direction.

Eq. (12) is a local integro-differential equation.^No

general accurate analytical solutions are available for a

turbid biological tissue with strong forward scattering

properties.^The most successful approximation method is the

diffusion theory.^However, it is a good approximation only

when scattering dominates over absorption and deals with

situations far away from the light source and boundaries. For

details in diffusion theory, see references in Chapter 1.

However, Monte Carlo simulation methods have been developed to

obtain rigorous numerical solutions of the transport equation.

2.4.2 Monte Carlo simulation of light propagation in

biological tissue

In Monte Carlo simulation, the step by step trajectories

of individual photons in tissue are calculated by computer.

Specifically, light is treated as non-interacting photon

bundles, and tissue is stochastically identified by probability

density functions for light attenuation, F(s), and direction of

light scattering, G(y) and H(0):

F(s) =^exp(-pts)^ (14)

G(V) = 1/2n^ (15)

1 - g2
H(0) =  ^ (16)

2(1 + g 2 - 2g cos 0)3/2
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In Eq. (14), s is the photon bundle pathlength between

attenuation events, and pi t (= ga + ;Is ) is the total attenuation

coefficient. In Eqs. (15) and (16), y and 0 identify the new

direction of the scattered photon in a spherical geometry.

Here 0 is the deflection angle, while y is the azimuthal angle.

A computer generated random number is used to determine the

probability of an event (F, G, H) occurring, and the

probabilistic parameter (s, y, 0) is calculated. The photon

bundle is propagated through the tissue by absorbing a fraction

la/Ilt of its "weight" after the bundle has traveled the

pathlength s. The remaining weight is scattered in the new

direction specified by y and 0, measured from the previous

photon direction. Refractive index mismatched boundary

conditions are handled by calculation of the Fresnel reflection

coefficients, assuming unpolarized light:

^R(0) - 1 [ sine (0 i - O t )^tang (0 i -

2^2 sine (0 i + 0 t )^tan2 (0 i + 0 t )
(17)

where O i is the incident angle of the photon onto the boundary

(0 i = 0 implies orthogonal incidence), O t is the deflection

angle of the transmitted photon and is related to O i by Snell's

law:

ni sin0 i = n t sinO, (18)

with ni and n t being the refractive indices of the media. The

photons are multiply scattered by tissue and phase and

polarization are quickly randomized, and play little role in

the energy transport.
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The simulation program records the accumulated light power

density, Q, in W/cm3 that is deposited in a local tissue volume.

The local light fluence (D, in W/cm2 is calculated using the

local absorption coefficient la a , in cm -1 :

(13 = Q/ga (19)

(13 represents the light distribution in tissue. The program

also records where and in which direction the photons escape

the air-tissue interfaces. Therefore, the local diffuse

reflectance and transmittance as well as the total reflectance

and transmittance can be obtained.

To model the autofluorescence measurements, the following

procedure is used:

(1) Excitation light distribution

The distribution of excitation light within the tissue

must be specified first. It is calculated using the Monte

Carlo simulation, and is denoted as (1)(Xex , r,z,0) in W/cm2. Aex

is the excitation wavelength, while r, z, 0 represent a local

position in cylindrical coordinates.

(2) Intrinsic fluorescence coefficient, 13(X ex d■-em ,z)

The intrinsic fluorescence coefficient p is defined as the

product of the absorption coefficient due to the fluorophore ,

i-tafl (CM 1)

 
and the quantum yield Y (dimensionless) of

fluorescence emission. Biological tissues usually have layered

structure. In the same layer, 3 is constant, therefore, it can

be denoted as a function of z, (Xex, Xem , Z) • Xem is the

wavelength of emitted fluorescence light. The product CO

yields the density of fluorescence source in W/cm 3 .^Using a
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microspectrophotometer system, one can measure the relative p
distribution in skin tissue.

(3) Escape function E(Xem ,r,z)

Once a fluorophore emits a fluorescent photon, that photon

must successfully reach the surface and escape to be observed.

The escape function E(X ein ,r,z) is the surface distribution as a

function of radial position (r) of escaping photons from a

point source of fluorescence at depth z and radial position r =

0 within a tissue of thickness D. It also can be calculated by

Monte Carlo simulations. The units of E are (W/cm 2 escape at

surface)/(W of source point within tissue) which equals cm -2 .

Simulations are conducted for a series of depth (z) inside the

tissue, using the optical properties for the emission

wavelengths of interest.

(4) Observed fluorescence, F(X,r)

The observed flux of escaping fluorescence F in W/cm2 at

the tissue surface is computed by the following convolution

(Keijzer et al, 1989b):

F (Xex , X em , r) =
D 2/r m

f .1 f 0 (xex , r . , z i , ei )0(x,, k em , z'^,„)E(X e Vr2 ± z- T 2 —2rri cos 0 1 , zr)r' dr' d0' dz'
0 0 0

(20)

The convolution in Eq. (20) can be implemented numerically

using discrete values for c13, and E that were generated by the

Monte Carlo simulations, and the experimentally determined p.
For details of the implementation of the Monte Carlo

simulation, see Prahl et al, 1989, Wang and Jacques, 1992,
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Jacques, 1993 or the appendix at the end of this thesis.^A

simulation program of "Monte Carlo Modeling of Light Transport

in Multi-layered Tissue in Standard C (MCML)" was obtained from

The University of Texas M.D. Anderson Cancer Center and used as

the starting point of our theoretical modeling.^The MCML

program can be used to calculate the fluence distribution

inside skin tissue and the diffuse reflectance for a normal

incident light beam on the tissue surface.^We recalculated

examples in the MCML manual and some published Monte Carlo

simulation results in the literature to verify the correctness

of this program before used it in our work. To calculate the

fluorescence escape function, we modified the MCML program to

simulate the light propagation process for a buried isotropic

point source inside the tissue. Again, the correctness of the

modified program was verified by comparing our results with

those reported in the literature.^We used an IBM 320

RISK/6000 workstation to run the simulation program. Each run

takes 3 to 5 hours depending on where the light source is

located. Deep light sources have a longer simulation time.
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CHAPTER 3: SPECTROSCOPIC PROPERTIES OF HUMAN SKIN

We measured the optical properties of in vivo normal skin

on 8 volunteers in terms of diffuse reflectance spectra,

autofluorescence spectra, and autofluorescence decay as a

function of time during continuous laser exposure. These

measurements revealed many important characteristics of human

skin optical properties. Of them, the most interesting

property is that laser induced skin autofluorescence decay

follows a double exponential function. This property is

discussed in great detail in this and the next chapter.

3.1 Diffuse reflectance properties of in vivo skin

Taking advantage of the fiber holder described in section

2.1.1, the diffuse reflectance spectra of different body

locations were measured on volunteers at different illumination

angle and detection angle combinations (when choosing a

combination, we made sure that the specular reflection was

avoided). In all measurements shown in this section and

section 3.2, we used a small illumination spot and a large

detection spot by varying the distances of the fiber tip to the

skin surface. In this way, all the diffusely reflected light

or fluorescence light at the detection angle direction were

collected. For section 3.3, we used a large illumination area

but small detection spot to reduce the measured signal

fluctuations due to relative movements between the fiber holder



Figure 16. Normal skin diffuse reflectance spectra at
different body locations of a Caucasian volunteer. All spectra
were measured with illumination angle a = 5 ° and pick-up angle p
= 30'; the two quarter circle arms were perpendicular to each
other i.e. y = 90 ° . Refer to figure 6 for the meaning of a, p,
and y.
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Figure 17. Diffuse reflectance spectra at a fixed illumination
angle (a = 70 ° , y = 90 °) but different pick-up angles ((3)
measured from a Chinese volunteer's hand dorsum. The insert is
the absorption spectra of the haemoglobin (Hb) and
oxyhaemoglobin (Hb02).
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and subject being measured during longer (11 minutes) laser

exposure period. The results show that the diffuse reflectance

spectral curves from different body locations at a fixed

illumination and pick-up condition are different in detail and

that when changing the illumination and pick-up angles, the

spectral curves can have different shapes.

Figure 16 shows normal skin diffuse reflectance spectra

from four different body locations on a Caucasian volunteer.

All four curves are different in detail, indicating that the

amount of various absorption chromophores is a function of the

body location. There are, however, some common

characteristics. The two characteristic oxyhaemoglobin

absorption valleys between 520 nm and 600 nm appear on all the

four curves. The general trend of increasing reflectance with

increasing wavelength reflects the effect of melanin

absorption. However, the reflectance value of the spectrum

curve for palm decreases slightly above 690 nm, differing from

the other 3 curves where the reflectance values are relatively

stable above 690 nm. This indicates that there is more

oxyhemoglobin content on palm than on other locations: the

increasing absorption of oxyhemoglobin above 690 nm (see figure

3) counteracts the decreasing absorption of melanin at this

wavelength range and, therefore, causes the reflectance value

of palm to decrease.

Figure 17 shows three reflectance curves obtained at a

fixed illumination angle (a = 70°, y = 90°), but different

detection angle R. At p = 30 ° , the two oxyhemoglobin absorption
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valleys between 520 nm and 600 nm are prominent and relatively

deep. At 50 ° , the two valleys become shallower, while at 65°,

they have almost disappeared as two independent valleys.

Similar results were obtained for smaller a angles: the larger

the a value, the more the spectral curve shape was changed.

These results suggest that at small pick-up angles, the

collected light come from deeper layers of the skin tissue,

where haemoglobin absorption contributed more to the spectrum.

At large pick-up angles, the collected light come from

shallower skin layers. As the haemoglobin is more abundant in

the deeper skin layers (the dermis), it did not contribute as

much to the measured spectra. Therefore, by changing the

illumination and detection angles, we could change the depth in

the skin tissue from which the measurements of diffuse

reflectance were made.

The fact that the 65° curve crosses over the 30° curve at

about 690 nm (if normalized to 400 nm, the 65° curve also

crosses over the 50° curve around this wavelength) further

confirmed the above considerations. Because the oxyhaemoglobin

absorption coefficient increases with wavelengths between 690

nm (see figure 3 and the insert in figure 17), the cross-overs

at 690 nm suggest that blood absorption contributed more to the

small angle reflectance curves. The blood absorption caused

the diffuse reflectance curve to decline above 690 nm.

The strong forward scattering properties of the skin

tissue may also play an important role in the above spectrum

curve shape changes. Along with future progress in theoretical
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studies of light propagation in multi-layered biological

tissue, the diffuse reflectance at different illumination and

pick-up angles R(a,(3,y) may be used as a fifth measurement

modality to derive information from multi-layered tissue (like

skin) in vivo. For other modalities, see chapter 1.

3.2

We studied the autofluorescence spectra of the skin at

different body locations for different illumination angle and

detection angle combinations. The results show that on

different body locations, the skin autofluorescence intensities

had significant changes, but the spectrum maximum positions

(wavelengths) had no significant variations, while the details

of the spectrum shape did change as a consequence of tissue

reabsorption of the fluorescence light and the variation of the

amount of various absorption chromophores at different body

locations. When the illumination and pick-up angles were

changed, the detected autofluorescence intensities had

significant changes, while the spectrum shapes did not show

significant changes. This was different from the case of

diffuse reflectance spectra and was probably due to the

isotropic emission of fluorescence light. All data presented

in the remaining part of this section were measured at the

fiber holder settings of: a = 5°, f = 300, y = 90 ° .

We measured the skin autofluorescence spectra at different

excitation wavelengths (from 350 nm to 470 nm). The spectra at
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Figure 18. Diffuse reflectance spectrum (a) and
autofluorescence spectra (b - g) at different excitation
wavelengths of an Asian volunteer's hand dorsum. In all
fluorescence spectrum graph, solid line ( ) denotes the
measured original autofluorescence spectrum, dashed line (----)
represents the calibrated autofluorescence spectrum which is
the ratio of the original spectrum to the diffuse reflectance
spectrum in (a).
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different excitation wavelengths are very different in both

shape and intensity. The spectrum maximum positions shift with

changing excitation wavelengths. Figure 18 shows the diffuse

reflectance spectrum (a) and autofluorescence spectra at 6

different excitation wavelengths (b, 350 nm, c, 370 nm, d, 380

nm, e, 390 nm, f, 430 nm, g, 470 nm) of an Asian volunteer's

hand dorsum. The solid lines denote the measured original

spectra.

As mentioned in Chapter 1, tissue reabsorption and

scattering distort the shape of fluorescence spectra. This

motivated us to build a combined autofluorescence and diffuse

reflectance spectroanalyser system in order to assess the

distortion of the fluorescence spectrum by using the diffuse

reflectance spectrum.

Fluorescence emission inside the tissue is isotropic, half

of the emission is upward, the other half is downward (figure

19). If there is no scattering, only the upward emitted light

can escape out of the tissue (assuming refraction index matched

boundary). If there is scattering, the upward emitted light

will be more difficult to escape out of the tissue: the larger

the effective scattering coefficient g s (1-g), the less light of

the upward emission will come out. In contrast, the light from

the downward emission will have the possibility to escape out

of the tissue after multiple scattering: the larger the g s (1-g),

the more of the downward emission light will come out.

However, in any case, the larger the absorption coefficient Ka ,

the less the fluorescence light can escape out of the



5" is a monotonically increasing function.

Figure 19.^Apparent relationship between the fluorescence
distortion factor and the tissue absorption, scattering
properties.
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Figure 20 Comparison of the diffuse reflectance R with the
fluorescence distortion factor f calculated by Monte Carlo
simulation for a semi-infinite uniform tissue phantom. This
was generated by re-analyzing data from Gardner et al, 1993.
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tissue.^The fluorescence distortion factor or escape

effectiveness f can be written as:

cy 1 • 1^1f =   + . 1.., (1 -g)i}^ (21)
lAa^2 [ !As (1 -g)

where Y is a monotonically increasing function.^While the

diffuse reflectance R can be written as (see Chapter 1):

R
{ 1^pis (1^g)} •

i t
(22)

In the skin tissue, µ S (1-g) is a slowly varying smooth curve in

the visible wavelength range (see Eq.(6) and figure 4) compared

to the sharply varying absorption spectra of skin chromophores

(see figure 3). The peaks, valleys, and the overall sharp

increase in the reflectance curve of figure 18a must be largely

due to the melanin and haemoglobin absorption. We proposed to

use R as a first order approximation of f to calibrate the
fluorescence spectrum. The dashed lines in figure 18b - g are

the calibrated fluorescence spectra which equal the measured

spectra divided by R. In all cases, the calibrated spectra

have greater symmetry and are smoother compared to the measured

original spectra. Also, the valleys due to the oxyhaemoglobin

absorption are largely eliminated by this calibration.

Very recently, Gardner et al (1993) modeled the

fluorescence excitation and escape processes of a semi-infinite

uniform tissue phantom by Monte Carlo simulation. The

fluorescence distortion factor f was calculated exactly in

terms of measured diffuse reflectance R and optical properties
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Table 1.^The wavelengths of skin autofluorescence spectral
maxima at different excitation wavelengths.^The excitation
wavelengths were selected by a monochromator and 10 nm band
pass filters.

Excitation Wavelength

(nm)

Emission Maxima

Wavelength (nm)

(Non-calibrated

Spectra)

Emission Maxima

Wavelength (nm)

(Calibrated Spectra)

350 ± 5 455 ± 3 433 ± 3

360 460 440

370 465 452

380 470 454

390 475 463

410 490 484

430 504 503

450 515 516

470 548 547
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Figure 21.^Most probable energy of fluorescence emission
photons versus excitation photon energy.^The non-calibrated
data were obtained from the measured original autofluorescence
spectra, while the calibrated data were obtained from the
calibrated autofluorescence spectra. The solid line is
described by equation, y = (0.47 ± 0.04) x + (1.1 ± 0.1) with a
R coefficient of 0.957. The dashed line is described by
equation, y = (0.66 ± 0.03) x + (0.56 ± 0.08) with a R
coefficient of 0.988.
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Figure 22. Excitation spectrum of skin autofluorescence
emission: plot of the fluorescence spectrum maximum intensity
versus the excitation wavelength. The non-calibrated data were
obtained from the measured original autofluorescence spectra,
while the calibrated data were obtained from the calibrated
autofluorescence spectra. The most efficient excitation
wavelength is 380 nm.
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(PL., gs, g) .
^We re-scaled the diffuse reflectance R and the

fluorescence distortion factor f and plotted them onto the same

graph (figure 20) for comparison. One can see that the two

curves have very similar shapes and the difference between the

re-scaled R and f is much smaller than the absolute values of

the re-scaled R and f. Therefore, we believe that R represents

a very good first order approximation of f for tissue

fluorescence spectrum calibration.

From figure 18, one can see that at different excitation

wavelengths, the maximum positions of skin autofluorescence

spectra are different. Table 1 gives the wavelengths of skin

autofluorescence spectral maxima at different excitation

wavelengths for the data set shown in figure 18. We then

converted the wavelength into energy of photons in units of

electron volts (ev). The energy corresponding to the

wavelength at the spectral maximum is the most probable energy

of fluorescence emission photons. Figure 21 is the most

probable energy of fluorescence emission photons versus

excitation photon energy plot. The solid line and open circle

symbols denote data obtained from the measured original

spectra, while the dashed line and solid triangles denote data

obtained from the calibrated spectra. The most probable

emission energy tends to increase linearly with increasing

excitation photon energy.^The calibrated data showed better

linearity.^The slopes of the two straight lines (0.47 for

solid line and 0.66 for dashed line) are very different from 1.
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Usually, for a simple fluorophore molecule, the shape of

the emission spectrum is independent of the excitation

wavelength (Lakowicz, 1983). The data shown in table 1 and

figure 21 suggest two possibilities about the skin

fluorophores. One possibility is that there is more than one

type of fluorophore molecules inside the skin tissue which are

responsible for the visible autofluorescence. Different

fluorophores have different excitation and emission spectra.

This may explain that the emission spectrum shape depends on

the excitation wavelength but will be hard to explain the

continuously linear increasing trend shown in figure 21. The

second possibility is that there is only one predominant type

of fluorophore molecules which is responsible for the visible

autofluorescence emission. This fluorophore must have a

complicated structure and special properties which lead to the

phenomenon shown in figure 21.

Since the emission spectrum shape depends on the

excitation wavelength, we plotted the fluorescence spectrum

maximum intensity versus the excitation wavelength as the

excitation spectrum of skin autofluorescence emission (figure

22). One can see that 380 nm is the most effective excitation

wavelength. The conventional definition of fluorescence

excitation spectrum is the fluorescence emission intensity at a

selected wavelength as a function of the excitation wavelength.

If the fluorescence emission spectrum shape is independent of

the excitation wavelength, the measured excitation spectrum

should be the same no matter which emission wavelength is
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selected to do the measurements. However, the autofluorescence

emission spectrum shape of skin is excitation wavelength

dependent as mentioned above, therefore, the skin excitation

spectra using conventional definition must be emission

wavelength dependent. The human skin excitation spectra

reported very recently by Kollias et al (1993) do change with

the emission wavelength. Their data and our data support each

other although different measurement modalities (emission

spectra vs. excitation spectra) were employed in the two

studies. The different ways of data analyses may lead to

different insights about the skin autofluorescence properties.

To understand these phenomena, the skin fluorophores must

be identified. Chemical isolation of fluorophore in biological

tissue is a task requiring multi-discpline collaborations and

the isolated molecules may have different fluorescence

properties from those presented in the in vivo tissue due to

the chemical environment changes (Baraga et al, 1991). This is

out of the scope of this thesis. Our attention instead was

directed^towards^the^temporal^dynamics^of^skin

autofluorescence.

3.3 Laser induced autofluorescence decay of in vivo skin

To characterize laser induced autofluorescence decay of in

vivo skin, we measured the autofluorescence decay processes

during continuous He-Cd laser (442 nm) exposure on the inner

forearm of 5 volunteers at different illumination power
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densities.^The autofluorescence recovery processes after

terminating the laser exposure were also monitored.

3.3.1 Autofluorescence decay dynamics of in vivo skin during

CW laser exposure

Non-linear^regression^fitting^of^all^measured

autofluorescence^decay^curves^revealed^that^the

autofluorescence decays followed a double exponential function:

I(t) = a exp(-t/TO + b exp(-t/T 2 ) + c^(23)

with a fast process (first term) and a slow process (second

term).^The time constants (i 1, T2) of the two processes

differed by an order of magnitude.^Parameters a, b, c were

normalized to satisfy the condition that I(0) = 1 at t = 0,

i.e.:

a + b + c = 1^ (24)

Figure 23 shows an example of such data. It was obtained

from the inner forearm of a volunteer of Chinese ancestry under

an illumination power density of 64 mW/cm 2 . I(t) represents the

integral intensity over a 10 nm wavelength band at 520 nm. The

upper part of the graph gives the 120 original data points, the

fitted double exponential decay curve (solid line), and the

equation. The parameters (a, b, c, T 1 , T 2 ) and their standard

deviations derived by the non-linear regression program are

given in the caption. The lower part of the graph shows the

residual curve at a magnified Y axis scale. The residuals

fluctuate randomly around zero value with amplitudes of less
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Figure 23. A sample of autofluorescence decay during
continuous laser exposure (location: inner forearm, exposure
power: 64 mW/cm 2 ). Fitted parameters: a = 0.138 ± 0.007, b =
0.293 ± 0.004, c = 0.569 ± 0.005, T 1 = 12 ± 1, T2 = 370 ± 14.
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Figure 25. Autofluorescence images taken at different times
(days) after the inner forearm of a volunteer continuously
exposed to 442 nm laser light (power density: 28 mW/cm 2 ) for 11
minutes. The picture for day 0 was taken right after the
termination of the laser irradiation.
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than 0.012 supporting selection of the double exponential

function as the best fit to the experimental data.

Figure 24 shows the fitted double exponential decay curve

for 12 different wavelength bands, generated from the same

spectra as described in figure 23. All curves show excellent

double exponential fitting and have random residual

distributions except for the 560 nm band curve. The fitted

parameters (a, b, c, T1 , T 2 ) have some small differences for

different wavelengths and therefore the average parameters over

all bands were calculated. The standard deviation of these

parameters were also calculated and used as an estimation of

the experimental errors.

3.3.2 Autofluorescence recovery process after prolonged laser

exposure

To assess the autofluorescence recovery process after

laser exposure, we monitored the autofluorescence emission

spectra at 5 minute intervals for 50 minutes immediately

following the termination of the laser exposure. During this

period of time, no fluorescence recovery was noted.

Autofluorescence imaging revealed the exposed skin site as a

dark circular spot. In contrast, white light diffuse

reflectance images showed no differences between the exposed

skin site and the surrounding (unexposed) sites. Figure 25

shows four images of a series of autofluorescence images taken

after the termination of the continuous laser exposure. With
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time, the dark spot in the images became brighter until it

reached the same intensity as the surrounding unexposed skin.

Figure 25 shows that after continuous skin exposure to 442 nm,

28 mW/cm 2 laser light for 11 minutes, complete recovery of the

autofluorescence took about 6 days. The random pattern of

recovery images (figure 25, day 1 and day 4) suggests that the

autofluorescence recovery is not due to the diffusion of the

fluorophores from the unexposed area to the exposed area.

3.3.3 Autofluorescence decay parameters change with exposure

intensity

To study the possible differences of skin autofluorescence

decay processes under different exposure intensity, we measured

the autofluorescence decays of four very close skin sites on

the inner forearm of the same volunteer under four different

exposure intensities (64 mW/cm2 , 42 mW/cm2 , 27 mW/cm2 , 3.8 mW/cm2

respectively).

Figure 26 shows the autofluorescence decay curves at the

wavelength band of 520 nm for the four different exposure

intensities. Similar curves exist for other wavelength bands.

Table 2 gives the respective average decay parameters under

these exposure intensities. For the very low exposure

intensity (3.8 mW/cm 2 ), the fitted curve is a very slow single

exponential decay, while all other three curves are double

exponential functions. The errors shown in table 2 are the

standard deviations calculated from the parameters for the 12



Figure 26. Differences of the autofluorescence intensity decay
induced with different exposure intensities.
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Table 2. Skin autofluorescence intensity decay parameters (a,
b, c, T i , T 2 ) induced with different exposure intensities

exposure
intensity

parameters

64 mw/cm2 42 mw/cm2 27 mw/cm2 3.8 mw/cm2

a 0.14 ± 0.01 0.081 ± 0.0521 ± 0.054 ± 0.003

0.008 0.0008

b 0.29 ± 0.01 0.234 ± 0.26 ± 0.02

0.007

c 0.56 ± 0.04 0.685 ± 0.69 ± 0.02 0.95 ± 0.01

0.009

Ti (sec.) 10 ± 3 8 ± 2 25 ± 3 196 ± 5

T 2 (sec.) 400 ± 48 385 ± 15 625 ± 78
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wavelength bands, not including possible errors caused by the

differences of the four measured skin locations. Figure 27 and

28 show how these parameters change with time graphically: a

and b have the tendency to increase when the exposure intensity

increases, while c has the tendency to decrease with increasing

exposure intensity; T i and T2 decrease when the exposure

intensity increases. At the very low exposure intensity (3.8

mW/cm 2 ), t2 can not be measured with an 11 minute exposure

experiment.
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CHAPTER 4:^UNDERSTANDING THE DYNAMICS OF SKIN

AUTOFLUORESCENCE DECAY

4.1 Hypothesis on the mechanism of skin autofluorescence decay

dynamics 

It may seem plausible that the double exponential decay is

simply due to two different types of fluorophores. However,

the decay parameters change with exposure intensity. As the

skin is a multi-layered inhomogeneous turbid medium, excitation

laser light distribution inside the skin tissue will not be

uniform. Due to the scattering and absorption, the

fluorescence emission from different depths of the skin will

have different escape efficiencies and therefore, different

fractional contributions to the detected total autofluorescence

signal.

We postulated that the decay dynamics is determined by (1)

the excitation laser light distribution pattern in skin tissue,

(2) the number of fluorophore types and their chemical

environment(s), (3) the escape efficiency of fluorescence light

from different depths inside the tissue; and that (4) the

measured decay dynamics may be used to determine various

information about the skin, especially, to determine the

fractional contributions of different skin layers to the total

in vivo autofluorescence signal.

The remainder of this thesis is a description how we

tested and elaborated on the details of this hypothesis. Items
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(1) and (3) were examined by Monte Carlo simulation of

excitation laser light distribution in the skin and excited

autofluorescence escape from the skin tissue based on a seven

layer skin optical model. Because currently the exact skin

fluorophores have not been identified, we measured the

autofluorescence distributions in unstained skin tissue

sections and their spectral differences using the previously

described MSP system (section 2.2) in order to examine item

(2). Item (4) was tested by comparing the calculated

autofluorescence fractional contributions using Eq.(20) with

the decay parameters, a, b, c.

4.2 Microscopic morphology and spectroscopy of in vitro skin 

tissue sections 

Skin tissue samples were cut into sections of about 10 RI

thick (kept unstained and unfixed), and then placed on glass

slides for examination. The examination was performed by the

MSP system described in chapter 2. White light images and

fluorescence images were recorded by the CCD camera. For

spectroscopic measurements, a 10x objective and a 1 mm core

diameter collection fiber were used. The resulting sampling

spot diameter on the slide was thus 40 pin (= 1000 lim/(10x2.5))

which was again consistent with measurements through the

eyepiece reticules.

To measure the transmittance of the tissue sections, white

light illumination was used. First, a reference spectrum was
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recorded on a tissue free location on the slide, and then a

spectrum at the selected tissue location was recorded.

Division of the two spectra gave the transmittance spectrum.

For autofluorescence measurements, a 442 nm He-Cd laser

beam was used to illuminate the skin sample. Before

acquisition of the tissue fluorescence spectra, background

fluorescence subtraction and intensity calibration had to be

performed first. To acquire the background autofluorescence

spectrum of the system, the detection fiber was aligned with a

tissue-free location on the slide. In this way, the background

fluorescence emission from all components of the microscope,

including the glass slide, was acquired, and subsequently

subtracted from the tissue autofluorescence signal. Intensity

calibration of the fluorescence spectra was performed using an

EG&G Gamma Scientific RS-10 standard lamp and the supplied

data. Light from the RS-10 lamp was conducted through a fiber

(which was measured to have a constant transmittance in the 400

nm to 800 nm spectral range) into the microscope illumination

port to illuminate the sample slide. The calibration spectrum

was collected from a tissue-free location on the slide and then

used in combination with the supplied RS-10 spectral data to

complete the intensity calibration by the OMA software. This

procedure calibrated the wavelength dependence of the

microscope and the OMA.

Thirty sections from three human skin samples were

examined and all showed similar results. Figure 29 shows

typical autofluorescence images of the skin tissue section.
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Figure 29.^Typical autofluorescence images of the excised
human skin tissue section; a) shows the upper part of the
section, while b) shows the lower dermis part.
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Figure 30.^Typical autofluorescence spectra measured by the
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For comparison, the in vivo skin autofluorescence spectra under
the same 442 nm laser light excitation are also shown.
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The dominant autofluorescence color is green. The dermis and

the subcutaneous fat have strong autofluorescence emission, the

stratum corneum autofluoresces with a weak signal, while the

epidermis yields even less autofluorescence. The color of the

autofluorescence from the upper dermis and the lower dermis is

quite different. The upper dermis autofluorescence is more

yellow and the lower dermis is more green. Figure 30 shows

typical autofluorescence spectra of different skin layers

measured from the tissue sections by the MSP. The spectrum of

the lower dermis shifts toward the short wavelength end. The

positions of the spectrum maxima of the upper and lower dermis

differ by 20 nm. This difference may be related to the

different chemical compositions of the papillary dermis and the

reticular dermis. For example, the papillary dermis contains

predominantly type III collagen and lesser amounts of type I,

while the reticular dermis contains mostly type I collagen and

lesser amounts of type III (Montagna et al, 1992).

For comparison, in figure 30, the in vivo skin

autofluorescence spectra are also shown which were excited by

the 442 nm laser light. The calibrated (using diffuse

reflectance) in vivo spectrum is quite close to the spectrum of

the upper dermis. The fact that the two spectra are not

exactly coincident could be due to the calibration of the in

vivo spectrum by only a first order approximation and/or due to

the fact that the in vivo spectrum contains contributions from

both the upper dermis and the stratum corneum. In the next

section, we show a proof that the lower dermis has a negligible



 

1.0

0.8

0.6

0.4

0.2

           

z

cnz
cc

  

1 '6 A A^it,
111i i r ■ A i 0 - •■■V. , 4 ,'.' ,A , + . 4'6" #■:%4(,'‘ ,,,. ,,,^

'$' '''' . q"#Afi ''' ,4,44t1A , "44".44.
11''I P

4 16404, 01i,
* -'4"4"4,10)31040'

rli t'i ,4111 
,,, 4 ,,,.,4 ;,i,, i;:iiiev etr,4r4,,,,y4404,4* .imo,,,woli,1 ,,,I I  
ll

fro
ii

                                    

0.0 ^
400 440 480 520 560 600 640 680 720 760 800

WAVELENGTH (nm)

Figure 31.^Transmittance spectra measured by the MSP from
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contribution to the measured total in vivo autofluorescence

signal under 442 nm blue light excitation.

Figure 31 shows several transmittance spectra measured at

different spots across the sample. These spectra were all

essentially flat lines indicating very little absorption

structures. These were consistent with the bright field images

of those samples in which no color was observed. On the other

hand, this also indicates that the measured fluorescence

spectra in figure 30 were not unduly distorted by absorption.

It seems that the concentration of skin chromophores (e.g.

melanin) is not high enough to be easily measured by the

transmittance spectra of such thin samples. However, the more

sensitive fluorescence techniques show the existence of some

native fluorophore molecules and their spatial distribution

inside the skin tissue (figures 29 and 30). Principally, an

increase in signal over a zero background signal is measured in

fluorescence methods, while in transmittance or reflectance

methods, the analogous quantity, absorbed or scattered light,

is measured indirectly as the difference between the incident

and the transmitted or reflected light. This small decrease in

the intensity of a very large signal is measured in

transmittance and reflectance techniques leading to a

correspondingly large loss in sensitivity (Guilbaut, 1973).

In summary, figure 32 shows a schematic diagram of a

typical autofluorescence distribution in skin tissue (the

dimensions shown were measured through the eyepiece reticules).

The border of the two different autofluorescence color areas is
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located approximately 480 'Am below the dermal-epidermal

junction. All of the autofluorescence spectroscopic

properties, morphological structures, and the dimensions shown

in figure 32 were used to construct a skin optical model as

described in the next section.

4.3 Monte Carlo simulation of excitation laser light 

distribution in and autofluorescence escape from skin 

tissue 

4.3.1 The skin optical model

The structure of skin is complicated.^For theoretical

modeling, a considerably simplified skin optical model must be

developed first. According to the anatomy structure of skin

and the available intrinsic optical parameters of skin, a seven

layer skin optical model was constructed for Monte Carlo

simulation. Table 3 outlined this model by giving the

thickness (d), the refraction index (n), and the transport

parameters (11,a , Il s , g) of each layer.

The total thickness of the model skin is 2 mm.^The

thickness of each layer is based on the MSP measurements on

skin tissue sections (see figure 32). At one end, i.e. at the

top, the skin is in contact with air (refractive index of 1.0),

while at the bottom, the model skin is in contact with the

subcutaneous fat with a refractive index of 1.46 (Bolin et al,

1989). The refractive index of stratum corneum is 1.45 (Solan
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and Laden, 1977). For both epidermis and bloodless dermis, the

refractive index was assumed to be 1.4 based on a 70-80% water

content (Wilson and Jacques, 1990). The refractive index of

total blood was assumed to be 1.33, i.e. the same as that of

water. The optical parameters at two wavelengths are listed in

table 3. The 442 nm is the excitation laser light, while the

520 nm represents the emitted autofluorescence light. The

transport parameters for the stratum corneum, epidermis, and

bloodless dermis were obtained from figure 4 and Eq.(6) in

chapter 1. At 520 nm, the data for stratum corneum are not

available, and we assumed that its optical parameters were the

same as those of the epidermis. This should have caused little

error because the stratum corneum is very thin compare to the

epidermis. The upper blood plexus was assumed to consist of

10% blood and 90% dermis tissue (Jacques, 1991b). The lower

blood plexus was assumed to contain 90% blood and 10% dermis

tissue. The optical parameters (ga , g s , g, n) of these two

layers were calculated by adding the fractional contributions

of their components (Jacques 1991b, Jacques et al, 1992b). For

example, the refractive index of the upper blood plexus was

estimated as:

n = 1.4 x 90% + 1.33 x 10% = 1.39^ (25)

In summary, these calculations can be expressed in the

following matrix formula:
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Table 3. The seven layer skin optical model. The upper blood
plexus layer was assumed to consist of 10% blood and 90% dermis
tissue, while the lower blood plexus layer was postulated to
contain 90% blood and 10% dermis tissue.

Layer d

Oirr0

n g

(442/520 nm)

II,^(cm-1)

(442/520 nm)

/1s(cm
-1

)

(442/520 nm)

air 1.0

Stratum

Corneum

10 1.45 0.9/ 190/ 2300/

Epidermis 80 1.4 0.75/0.77 56/40 570/570

Papillary

Dermis

100 1.4 0.75/0.77 6.7/5 700/500

Upper Blood

Plexus 80 1.39 0.77/0.79 67/24.5 680/500

Reticular

Dermis

1500 1.4 0.75/0.77 6.7/5 700/500

Deep Blood

Plexus 70 1.34 0.96/0.96 541/181 520/500

Dermis 160 1.4 0.75/0.77 6.7/5 700/500

Sub-cutaneous

Fat 1.46
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where f1 and f2 are the percentages of component 1 and 2,

superscript 1 and 2 in the first term of the right side denote

the optical properties of component 1 and 2 respectively. The

absorption coefficients of blood were read from figure 3 in

Jacques and Keijzer, 1991. The g value of blood is about 0.98

and its li s value was assumed to be about 500 cm -1 (Jacques and

Keijzer, 1991).

4.3.2 The distribution of excitation laser light inside skin

tissue

Although being simplified into seven uniform parallel

layers, the above skin model is still too complicated for its

transport equation to be solved analytically. We used Monte

Carlo simulation to solve this problem.

In our laser induced autofluorescence decay experiments,

the illumination beam was 10 mm wide and has a divergence angle

of 10°. The fluorescence detection spot had a diameter of only

3 mm and therefore the edge effects to the central part (i.e.

the fluorescence detection volume) could be neglected (Keijzer

et al, 1989). In this way, our problem became a one-

dimensional problem which was much easier to solve. Figure 33
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Figure 33. Monte Carlo simulation results of excitation laser
light (442 nm) distribution in skin tissue (infinitely wide
beam, normal incidence, 1,000,000 photons were launched).
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shows the excitation light (442 nm) distribution inside the

skin tissue as a function of depth z for a incident intensity

of 1 W/cm 2 . A million photons were launched in the Monte Carlo

simulation to obtain this curve. The fluence in the stratum

corneum is about 1.6 times of the incident fluence showing the

photon energy pile-up near the air-tissue interface due to

back-scattering. This effect does not violate the conservation

of energy and has been verified experimentally (Jacques, 1989).

For z > 500 fin (0.05 cm), the fluence c(z) - 0. Therefore,

very little laser light (442 nm) can penetrate deeper than the

color border shown in figure 32 to excite autofluorescence in

the lower dermis which fluoresces in a color different from the

upper dermis. The epidermis has negligible fluorescence

emission. The excitation light fluence in the stratum corneum

is 2 to 5 times of the fluence in the upper dermis.

Considering the excitation light distribution and the

fluorophore distribution, only the stratum corneum and the

upper dermis (z < 500 flm) will be excited to fluoresce in in

vivo autofluorescence measurements. These two skin layers have

very different chemical environments (Montagna et al, 1992) and

their fluorophores may also be different.

4.3.3 Autofluorescence escape from inside the skin tissue

Fluorescence emitted at depth z inside the tissue will be

scattered and absorbed by the tissue in its way to reach the

tissue surface. As a result, the fluence of an infinitely wide
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plane fluorescence source will be attenuated before reaching

the surface. The light from a point fluorescence source

(located at depth z inside the tissue) will be attenuated and

spread into a circular spot by the time it comes out of the

tissue surface. The intensity distribution of the circular

spot is called the fluorescence escape function, E(Xem ,r,z)

(Kerjzer et al, 1989b).

Figure 34 shows the fluence distributions inside the

tissue generated by three infinitely wide plane fluorescence

sources located at different depths of the skin tissue. A

million photons were launched to obtain each curve. The deeper

the source, the more it was attenuated before the light reaches

the surface. Figure 35 gives examples of fluorescence escape

functions of three different depths of fluorescence point

sources inside the skin tissue. The E(2■. em ,r,z) maximum of the

stratum corneum at Xem =520 nm is about 30 times larger than

that of the upper papillary dermis. We simulated 92 point

sources located at different depths of the skin tissue (z

ranging from 0 to 500 gm). When z increases, the maximum

height of E(Xem ,r,z) decreases, while its width increases. But

even for the point source located at 500 gm depth, the FWHM of

E(Xem ,r,z) is only 0.58 mm for kem =520 nm which is still much

smaller than the illumination laser beam size (10 mm).

Therefore, in this specific case, we could still use the one-

dimensional approximation to calculate the observed

fluorescence.
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4.3.4 Fluorescence fractional contributions of different skin

layers

As a one-dimensional problem, once the excitation and

emission wavelength are selected (442 nm and 520 nm,

respectively), the excitation fluence distribution (1)(z) in our

skin model is a function of z only as shown in figure 33. The

intrinsic fluorescence coefficient P(z) is also a function of z

only as shown by the MSP measurements (figure 30). We can

integrate the fluorescence escape function E(2 em ,r,z) over r and

0 first in Eq.(20) in order to calculate the fractional

contributions of autofluorescence of different skin layers.

2 7t ao

E(k em , z) =^E(kein , r, z)rdrd0
^

(27)
0 0

When the emission wavelength is selected (520 nm), this

function become dependent on z only again. We denote it as

E(z). Then the fluorescence contribution from a specific layer

(from zl to z2) can be calculated as following:

z 2

Flayer(z1 —>z2)^CD(Z)13(Z)E(Z)dZ
^

(28)
zl

01(z) is shown in figure 33. E(z) is shown in figure 36 as

calculated by Monte Carlo simulation.^To obtain each data

point, a million photons were launched.^The intrinsic

fluorescence coefficient P(z) can be estimated from the

autofluorescence images of excised skin tissue sections (figure

29) and the autofluorescence spectra on different locations of
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the sections (figure 30) obtained by the MSP measurements. The

autofluorescence emission in upper dermis is 10 times stronger

than that of the stratum corneum. However, there is about 25 5.-

empty space (dark areas) in the autofluorescence image of upper

dermis, therefore the average p value of upper dermis was

estimated to be about 7.5 times that of the stratum corneum.

The epidermis autofluorescence is negligible, its p value was

therefore set to be zero. Figure 37 shows the p distribution

inside the human skin.

The product, (D(z)•E(z), represents the effectiveness to

obtained autofluorescence signal from different depths inside

the skin. Figure 38 shows the (D(z)•E(z) versus z curve. It

decreases faster than both c(z) and E(z). The integration of

(D(z)•E(z) over the stratum corneum (10 lam thick only) is equal

to 4.53 x 10 -4 , while the integration over the whole dermis is

3.49 x 10 -4 . We therefore concluded that in vivo tissue

fluorescence measurement is a surface enhanced detection

technique. Fluorophores located in the surface layer are far

more easy to detect than fluorophores in deep tissue layers.

This is caused by both the excitation light distribution inside

the tissue and the fluorescence escape efficiency, i.e., the

fluorescence light which survives tissue reabsorption and

scattering. The back-scattering causes the excitation photons

to pile up in the near surface region of the tissue and results

in even higher light intensity in this region than the incident

light intensity. The fluorescence light emitted near the

surface is able to escape and reach the detector much more
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Figure 38. The effectiveness to observe autofluorescence
signal from different depths inside the skin tissue -- (0(z)•E(z)
vs. z curve. This curve demonstrates that tissue fluorescence
measurement is a surface enhanced technique. Surface
fluorophores are much more easy to be detected than
fluorophores deep inside the tissue.
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Figure 39. 11:1(z)•E(z)•13(z) vs. z curve. Integration of this
curve over different regions is used to calculate the
fractional contributions of different skin layers to the
measured total in vivo autofluorescence signal. Although the
stratum corneum has a very weak fluorescence emission, the
outermost skin layer still contributes about 15%- - to the
observed total fluorescence signal because of both, the
excitation light pile-up near the surface, and the larger
values of its fluorescence escape function E(z).
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easily than fluorescence light emitted from deep inside the

tissue.

Figure 39 shows the (1)(z)•E(z)•13(z) function versus the

depth z curve. We integrated this curve to obtain the

fractional contributions of different skin layers to the total

measured in vivo autofluorescence signal. The results were:

lOwn

Fstratum corneum = j ITS (Z)P(Z)E(Z)dZ = 4.53 x 10 -4
^

(29)
0

Fdermis = f CD(z)(3(z)E(z)dz = 26.20 x 10 -4 .^(30)
90pm

The fractional contribution of the stratum corneum is

4.53/(4.53 + 26.20) = 0.1474 = 14.74%,^(31)

about 15%.^The remaining 85% of the autofluorescence comes

from the (upper) dermis.

4.4 Physical meaning of the double exponential decay

Under the illumination of (the laser)^light, the

fluorophore molecules in skin tissue are excited to higher

energy states.^When these excited molecules return to the

ground state,^they may release their energy through

fluorescence emission or thermal relaxation as discussed in

Chapter 1. These excited molecules may also react with nearby

molecules (photochemical reactions) or they may decompose

(photo-decomposition). These two processes will cause those

molecules to cease fluorescing in a short period of time and
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reduce the number of fluorophore molecules; therefore, a

decrease of autofluorescence will be observed. We showed, in

section 3.3.2, that the recovery of the skin autofluorescence

takes approximately 6 days after the laser exposure. The

chemical compositions of the fluorophore molecules and their

detailed chemical changes induced by laser exposure are not

known. Nevertheless, our quantitative measurements and

mathematical analyses show that this decay is double

exponential. Based on the skin autofluorescence microscopic

structures, the skin optical model, and the Monte Carlo

simulation results, we could elucidate the physical meaning of

the double exponential decay dynamics.

Let us rewrite the autofluorescence decay equation (23)

as:

I ( t) = [a exp(-t/T 1) + c 1] + [b e)cp(-t/T 2 ) + c2 ]^(32)

Assume that the two parts of the right side of Eq. (32)

originate from two separate sources. They have the same

mathematical form and can be re-stated as I = k exp(-t/T) + c.

Taking the derivative, we get

dI 
= - j-c- • exp( - t / t)

dt
k I - c

I - c
i.e.^dI =   dt^ (33)

1(t) must be proportional to the number of excited fluorophore

molecules NF e at time t. So Eq.(33) becomes
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dNF
e = --

1 
N,, edtd-dt
^

(34)
T^T

The first term of the right side of Eq.(34) means that the

decrease (dNFe) of the number of fluorophore molecules which

remain in the excited states is proportional to the number of

excited fluorophore molecules (NFe ) at the time t and the time

interval dt because the larger the NFe and the time elapsed

(dt), the more photochemical changes will occur and more

fluorophore molecules will be changed into new molecules which

will no longer fluoresce in a short period of time. Similarly,

the higher the excitation light intensity, the more the excited

molecules per unit volume and thus the faster the photochemical

reaction or photo-decomposition. This is consistent with the

results shown in figure 28 that T1 and T2 decrease with

increasing exposure intensity.

When a beam of excitation light shines on a group of

fluorophore molecules, there might be fluorophore molecules

which are not in a state capable of interaction with the

incoming photons. Some of these "extra fluorophore molecules"

will change their states later on, get excited, and add to the

NFe population at the time t. This amount of additional

excitation is proportional to dt and consists of the second

term of the right side in Eq.(34). The more the "extra

fluorophore molecules", i.e. the weaker the excitation light

intensity, the greater will be the contribution of this kind of

"later on" excitation, i.e. the larger the parameter c. This

agrees with the observation that c increases when the
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excitation intensity decreases (figure 27). The increasing

trends of parameters a and b with increasing exposure intensity

are the results of both the decreasing of "extra fluorophore

molecules" and the relative increasing of the fraction of

fluorophore molecules which will be photochemically changed as

the Eq.(24), i.e. a + b + c = 1, must be satisfied.

From the excitation laser light distribution and the

fluorophore spatial distribution in skin tissue, we have

concluded that under 442 nm laser light excitation, the

observed in vivo skin autofluorescence mainly comes from two

distinct areas: stratum corneum and upper dermis. The non-

fluorescing epidermis separates these two skin layers. The

chemical environments of these two areas are very different

(Montagna et al, 1992). Their respective fluorophore molecules

are also probably quite different. In addition, the excitation

light fluence in the stratum corneum is much larger than in the

dermis. Therefore, the rates of the laser induced

photochemical changes of the two areas are very likely to show

a large magnitude of difference. From table 2, one can see

that the fast decay term has a small pre-exponential

coefficient (small T l , small a). From the preceding section, we

know that the stratum corneum contributes only about 15% to the

observed in vivo autofluorescence signal, while the dermis

contributes about 85%. We therefore concluded that the fast

decay term in Eq. (23) or (32) corresponds to the laser induced

chemical changes of the stratum corneum, while the slow decay

term corresponds to the dermis. Parameter T is a measure of the
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speed of the laser induced photochemical changes of the

fluorophores, while a and b represent the fractions, which

decay due to laser induced photochemical changes, of the total

fluorescence signal at time zero, and the constant term c (or c l

and c2) represents that there are some "extra fluorophore

molecules" which will be excited eventually and continuously

contributed to the excited fluorophore molecule population.

From table 2, at high excitation light intensity (64

mW/cm 2 ), a is equal to 0.14. It is probable that at such high

excitation intensity, the non-photochemically changed fraction

cl is small, and therefore a = 14% is close to the actual

fractional contribution of the stratum corneum to the total

detected signal. The calculated value using the seven layer

skin optical model and Monte Carlo simulation in the preceding

section is 15%. These two values are indeed very close,

confirming our conclusion that the fast decay process

represents the photochemical changing of the fluorophore(s) of

the stratum corneum, while the slow process represents

photochemical changing of the fluorophore(s) in the dermis.

According to this postulate, the measured skin autofluorescence

decay dynamics can be used to determine the fractional

contributions of different skin layers to the measured total in

vivo autofluorescence signal. We believe that the hypothesis

in section 4.1 has been substantially proven.
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4.5 Further test on the hypothesis of skin autofluorescence 

decay dynamics 

To further test our conclusion in the preceding section

that the two exponentials of the skin autofluorescence decay

function correspond to the laser induced photochemical changes

of the stratum corneum and the dermis respectively, two more

experiments were carried out. One was to irradiate the excised

skin tissue sections and measure the autofluorescence decay by

using the MSP system. The other experiment was to irradiate

the in vivo dermis directly.

Figure 40 shows the autofluorescence decay curve of the in

vitro upper dermis measured by the MSP system. It is a slow

single exponential decay. The fluorescence emission from the

stratum corneum on the excised tissue section is too weak to

allow accurate decay dynamics measurements.

To directly irradiate the dermis in vivo, the epidermis of

a spot larger than 10 mm on the inner forearm of a volunteer

was peeled off by developing a blister using a topical

cantharone application. Monte Carlo simulation results of the

light distribution in the skin with epidermis peeled off are

shown in figure 41. In this situation too, only very little

light can penetrate into the lower dermis (z > 500 lim).

Therefore, the detected autofluorescence signal will again come

mainly from the upper dermis (z < 500 RI). Figure 42 shows the

autofluorescence decay curve on the skin spot with the

epidermis peeled off. This curve decays slowly with time. It
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Figure 40. Autofluorescence decay of the upper dermis part on
the excised skin tissue section during continuous 442 nm He-Cd
laser exposure measured by the MSP system.
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shows large fluctuations probably because of the instability of

the skin tissue system. For example, after the epidermis was

peeled off, some fluid kept flowing out of the wound. The

curve can be fitted to a single exponential but with large

residuals.

These two experiments further confirmed our hypothesis

that in the double exponential decay equation (23) or (32), the

fast decay term corresponds to the laser induced photochemical

changes of the stratum corneum, while the slow decay term

represents the dermis.
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CHAPTER 5: CONCLUSIONS AND DIRECTIONS FOR FUTURE RESEARCH

5.1 Conclusions 

In^conclusion,^through^experimental^studies^and

theoretical modeling, the thesis hypotheses have been proven.

Although the skin is composed of complicated inhomogeneous sub-

structures, its optical properties can be quantitatively

modeled and various modalities of in vivo skin spectroscopy can

be used to extract information on skin status.

We have achieved significant progresses in both

experimental studies of the optical properties and theoretical

modeling of the basic light-tissue interaction in the human

skin. The following are the major achievements of this work:

(1)^Improvement in the instrumentation of  in vivo skin

spectroscopy.^A computerized autofluorescence and diffuse

reflectance spectroanalyser system using fiber optics and OMA

techniques was designed and built allowing almost instantaneous

spectrum acquisition (in less than 1 second) with high

accuracy. A specially designed fiber holder allowed the

illumination angle, pick-up angle, and the size of the

illumination spot and the size of the pick-up spot to be

changed as desired. Using this system, a combined diffuse

reflectance and autofluorescence measurement procedure was

implemented to assure correct interpretation and calibration of

the autofluorescence spectra.
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and spectroscopy studies of  in vitro skin tissue sections.

Based on a unique fiber optic alignment mechanism, a novel MSP

was developed and built which has all the functions of a

conventional microscope plus the capability to provide spectral

analyses on a selected micro area as small as a few microns of

a microscopic object. The new system is easy to construct,

easy to use, has higher spectral resolution and much shorter

data acquisition time in comparison to conventional MSPs.

Using this device, we obtained the autofluorescence microscopic

morphology as well as intrinsic fluorescence spectra of

different skin layers by examining excised skin tissue

sections. This MSP has also been used to study the cell DNA

staining in both absorbance and fluorescence microscopy modes.

The system has now been used extensively at the B.C. Cancer

Agency by researchers from Vancouver and elsewhere.

(3) Design of methods for quantitative monitoring of 

laser induced autofluorescence decay in  in vivo skin. A

measurement method was developed based on a computerized

autofluorescence and diffuse reflectance spectroanalyser

system. A fiber with a microlens was used to achieve uniform

illumination. Special procedures were developed to remove

autofluorescence signal fluctuations caused by the laser output

power instability and the relative movements between the fiber

holder and the subject being measured during 10 - 20 minutes of

exposure time. A fluorescence imaging system was constructed

to monitor the autofluorescence recovery after laser exposure.
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A program was written to process the kinetic spectral data and

non-linear curve fitting was used for mathematical analysis of

the time function of the autofluorescence decay. Using these

methods, the photophysical processes of laser induced skin

autofluorescence decay were elucidated.

(4)^Angular resolved diffuse reflectance spectra 

f

 

in n f

 

fr•m ff r n• • • III

        

layers  in vivo. Taking advantage of the fiber holder, the

diffuse reflectance spectra of different body locations were

measured on volunteers at different illumination angle and

pick-up angle combinations. We found that the spectral shape

is changed at different illumination and pick-up angles. This

suggests that at different angles, the detected light

penetrates into different depths inside the skin tissue due to

the strong forward scattering properties of skin. The angular

resolved diffuse reflectance R(a,(3,y) may be used as a new

modality to derive information from multi-layered tissue (like

skin) in vivo. Other modalities are spatial resolved and time

resolved reflectance techniques (see chapter 1). However, the

successful applications of these modalities in practice require

further breakthrough in theoretical studies of light

propagation in multi-layered biological tissue.

(5) Complete study of the autofluorescence spectroscopic 

properties of  in vivo skin. Skin autofluorescence spectra at

different excitation wavelengths from 350 nm to 470 nm were

measured. We found that the emission spectra change with

excitation wavelengths.^When the excitation wavelength
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increases, the wavelength corresponding to the maximum

intensity on the emission spectrum also increases. In terms of

energy, the most probable energy of fluorescence emission

photons tends to increase linearly with the increasing

excitation photon energy. The plot of the fluorescence

spectrum maximum intensity versus the excitation wavelength

shows a maximum at 380 nm.

It has been commonly assumed that, for a simple

fluorophore molecule, the shape of the emission spectrum is

independent of the excitation wavelength. The unusual behavior

of skin autofluorescence properties suggests two distinct

possibilities about the skin fluorophores. One possibility is

that there are more than one predominant type of fluorophore

molecule inside the skin tissue responsible for the visible

autofluorescence. The other possibility is that there is only

one type of fluorophore molecule, but that this fluorophore has

a complicated structure and special properties (e.g. multiple

fluorescing sites) which lead to the above unusual phenomenon.

A complete understanding of these physical properties of skin

autofluorescence emission must be based on the chemical

identification of the skin fluorophores.

(6) Using diffuse reflectance spectrum to calibrate 

autofluorescence spectrum, Based on some intuitive

considerations on the fluorescence escape processes and diffuse

reflectance measurements, we proposed that diffuse reflectance

(R) can be used as a first order approximation of the

fluorescence distortion factor (f) to calibrate the
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• autofluorescence spectrum. The calibrated spectrum is equal to

the measured spectrum divided by R.^We calibrated our skin

autofluorescence spectra at different excitation wavelengths.

The results showed that in all cases, the calibrated spectra

were more symmetric and also smoother in comparison to the

measured, original spectra.^The valleys due to the

oxyhaemoglobin absorption are also eliminated by this

calibration. Monte Carlo simulations have demonstrated that R

is a good first order approximation of f at least for semi-

infinite uniform turbid media.

(7)^D •̂v r^•f^k'^f • *ph. -

and spectral differences. Using the new MSP, we worked out the

natural fluorophore distribution in skin tissue and their

spectral differences by examining excised skin tissue sections

under 442 nm laser excitation. Microscopic fluorescence

imaging showed that the dermis and the subcutaneous fat have

strong autofluorescence emission, the stratum corneum

autofluoresces with a weak signal, while the epidermis yields

negligible autofluorescence. The color of the autofluorescence

from the upper dermis and the lower dermis is quite different.

The upper dermis autofluorescence is more yellow and the lower

dermis is more green. Autofluorescence spectra of these two

areas measured by the MSP showed significant differences. The

spectrum of the lower dermis shifts toward the shorter

wavelengths. The positions of the spectrum maxima of the upper

and lower dermis differ by 20 nm. This difference may be

•- • I
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related to the different chemical compositions of the papillary

dermis and the reticular dermis.

(8) Discovery of the double exponential decay of skin

autofluorescence intensity during continuous laser exposure. 

Our quantitative measurements and mathematical analyses

revealed that in vivo skin autofluorescence decays double

exponentially with a fast process and a slow process during a

continuous 442 nm laser exposure. The time constants of the

two processes differed by an order of magnitude. The decay

parameters (a, b, c, T 1 , T 2 , see Eq. (23)) change with exposure

intensity. Parameters a and b have the tendency to increase

when the exposure intensity increases, while c has the tendency

to decrease with increasing exposure intensity; T1 and T2

decrease when the exposure intensity increases.

Autofluorescence imaging showed that a complete recovery of the

autofluorescence on the exposed skin site takes about 6 days.

(9) Development of a seven layer skin optical model. 

Based on the anatomy structure of the human skin, the optical

parameters of different skin layers published in literature,

and our own MSP measurements on excised skin tissue sections, a

seven layer skin optical model was developed to explain the

autofluorescence decay dynamics.^This is the most practical

skin optical model available since we obtained a true

fluorophore distribution and true intrinsic autofluorescence

spectra by the MSP measurements. Other tissue optical models

assume a uniform fluorophore distribution in tissue which is

not true according to the MSP results.
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(10) Monte Carlo simulation to solve the Boltzmann

equation of radiative transfer for the seven layer skin optical 

model. Monte Carlo simulation was used to numerically solve

the transport equation of the seven layer model skin. The

distribution of excitation laser light in the skin tissue and

the fluorescence escape efficiencies for point sources located

at different depths of the skin were obtained. There is very

little light that can penetrate into the lower dermis (z > 500

pu-n) • The fluence of the excitation light in the stratum

corneum is much higher than that of the dermis. Furthermore,

fluorescence light sources in the stratum corneum have much

higher fluorescence escape efficiency than sources in the

dermis. Therefore, tissue fluorescence measurement is a

surface enhanced technique. Fluorophores located near the

tissue surface are much easier to detect than fluorophores deep

inside the tissue. In our model skin, the outermost layer,

stratum corneum, is very thin (10 ilm) and has a much lower

intrinsic fluorescence coefficient than the dermis.

Nevertheless it still contributes about 15% to the observed in

vivo autofluorescence signal, while the upper dermis

contributes the remaining 85%.

(11) Elucidation of the physical meanings of the skin

autofluorescence decay dynamics. Combining the fluorophore

micro-distribution, the Monte Carlo simulation results, and the

decay parameters changing trends with increasing exposure

intensity, we elucidated the physical meanings of the skin

autofluorescence double exponential decay dynamics. The
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observed in vivo skin autofluorescence mainly comes from two

distinct sub-structures: the stratum corneum and the upper

dermis. These two layers are separated by a non-fluorescing

epidermis and have very different chemical environments. Their

respective fluorophores are probably different also. The

excitation light fluence in the stratum corneum is much larger

than that of the dermis. Therefore, the rates of the laser

induced photochemical changes of the two areas are very likely

to show a large difference. The fast decay term (in Eq.(23) or

(32)) corresponds to the laser induced photochemical changes of

the stratum corneum, while the slow decay term represents the

dermis. Parameter T is a measure of the speed of the laser

induced photochemical changes of the fluorophores, while

parameters a and b represent the fractions which will decay due

to laser induced photochemical changes among the total

fluorescence signal at time zero. The constant term c (or cl

and c2) represents the presence of some "extra fluorophore

molecules" which will be excited eventually and continuously

contributing to the excited fluorophore molecule population.

The measured skin autofluorescence decay dynamics can be

used to determine the fractional contributions of different

skin layers to the measured total in vivo autofluorescence

signal. From the measured normal skin autofluorescence decay

parameters (table 2), we estimated that the fractional

contribution of the stratum corneum to the measured total in

vivo autofluorescence signal is about 14%, while the calculated

value for our model skin by Monte Carlo simulation is 15%
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showing excellent agreement between estimated value and

theoretical modeling. The dermis contributes the remaining 85%

of the observed in vivo signal.

5.2 Directions for future research

As outlined above, studies has been completed on the

optical properties of normal skin in terms of macroscopic in

vivo diffuse reflectance spectroscopy, autofluorescence

spectroscopy, and temporal behavior of autofluorescence signal

during continuous laser exposure as well as microscopic in

vitro fluorophore distribution and spectral differences. As a

result, several interesting physical phenomena have been

discovered. Using the MSP in vitro measurement results and the

published optical parameters of different skin layers and of

blood, we built up a seven layer skin optical model. Monte

Carlo simulation of light propagation in the model skin

revealed the distribution pattern of excitation laser light in

the skin and the fluorescence escape efficiencies of point

sources located inside different depths of the skin tissue.

The theoretical modeling unified the microscopic properties

with the macroscopic in vivo skin measurements. It gives us a

very clear physical picture about the in vivo skin

autofluorescence processes. The physical meanings of the skin

autofluorescence double exponential decay dynamics were also

elucidated.
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However, the chemical composition of skin fluorophores,

their photochemical changes during continuous laser exposure,

and the biological mechanisms of autofluorescence recovery

after laser exposure are not yet known and deserve further

studies. The identification of the skin fluorophores will also

help understanding the interesting phenomenon of the skin auto-

fluorescence emission spectrum shift, i.e., that the most

probable energy of fluorescence emission photons tends to

increase linearly with the increasing excitation photon energy.

Even without the biochemical data, after further improvement of

the understanding on the physics of the normal skin optical

properties, our next step will be to study the optical

properties of malignant and pre-malignant skin tissues. We

believe that the differences of the optical properties of the

normal and malignant skin tissues exist and that these can be

exploited for diagnosis of various skin lesions non-invasively.

This principle can also be used to follow the progress of skin

lesion treatment with either physical or chemical methods.

5.2.1 Chemical identification of skin fluorophores

Identifying fluorophores in a biological tissue is a

comprehensive task because the chemical composition of tissue

is very complex. The fluorescence properties of fluorophores

may be altered by the extraction procedures and the

fluorescence spectra may be dependent on the local molecular

environment (e.g. tryptophan is a typical example, Baraga et
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al, 1991). This research needs a multi-disciplinary

cooperation of chemists, biochemists, and physicists. For

example, the fluorophore distribution in skin tissue revealed

by our MSP measurements suggests that one should search for the

fluorophores in the dermis, not in the epidermis.

If the skin fluorophores are identified and their

relationships with metabolic activities are worked out,

autofluorescence spectroscopy can become a very powerful tool

for skin biology studies. Another interesting subject will be

to study the laser induced photochemical changes of these

fluorophores. These will help us to understand the chemical

mechanism of the laser induced skin autofluorescence decay. In

turn, the autofluorescence decay can be used to study these

photochemical changes. More interestingly, the biological

mechanism of autofluorescence recovery after laser exposure may

be very significant for the everyday interaction of our skin,

an optical organ, with sunlight.

5.2.2 Applications of skin optics in non-invasive diagnoses

As reviewed in chapter 1, many applications have been

found for diffuse reflectance and autofluorescence in skin

disease diagnoses. To assess the potential and improve the

reliability of the existing techniques as well as to develop

new diagnosis modalities, a complete study of the optical

properties of various malignant and pre-malignant skin tissues

should be carried out in the future. Instruments, methods of
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in vivo macroscopic and in vitro microscopic measurements and

imaging, as well as theoretical modeling developed in this

thesis could find important applications in these future

developments. For example, the angular resolved diffuse

reflectance may be used to estimate the depth of the invading

disease, e.g. melanoma. The MSP can determine the distribution

of fluorophores in a lesion and their intrinsic spectra. This

knowlegde can then be used as an input into the Monte Carlo

simulation program which can readily be used to extract further

information from the measured in vivo signals. Although,

usually, using large illumination intensity can improve the

signal to noise ratio of fluorescence measurements, our results

in the laser induced autofluorescence changes suggest that

large exposure intensity causes fast autofluorescence signal

decay which will lead to inaccuracy in quantitative studies. A

trade-off between the signal to noise ratio and the systematic

error caused by the laser induced autofluorescence decay must

be considered. Measures must be taken to avoid unnecessary

strong light exposure during the measurements. However, if the

experiment is properly designed and implemented, the

autofluorescence decay dynamics measurement upon laser exposure

can be used to derive structure information of the normal

tissue and diseased tissure in a non-invasive way.

To localize the exact position of a disease, imaging

modalities based on spectroscopic data must be developed. As

we have already concluded, fluorescence measurement is a very

sensitive technique and specifically fluorescence measurement
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of turbid biological tissue is a surface enhanced technique.

We predict that autofluorescence imaging will find important

applications 3 in non-invasive diagnoses of diseases in skin, as

well as other organs of our body. The autofluorescence imaging

system for monitoring the autofluorescence recovery after laser

exposure can be used as a starting point in these future

developments. As an example of further applications of our

skin optical model and Monte Carlo simulation, the following is

an estimate of the spatial resolution of skin autofluorescence

imaging.

When imaging a turbid biological tissue using

autofluorescence, one can only focus on the surface of the

tissue due to scattering. A point fluorescence source located

at depth z will become a circular spot at the surface because

of the re-absorption and scattering of the tissue to the

fluorescence light. This will cause the spatial resolution of

tissue autofluorescence imaging to become worse than that

determined by diffraction effect. The intensity distribution

of the circular spot is determined by the fluorescence escape

function E(Xem ,r,z). We define the spatial resolution (8) to be

equal to the FWHM of the E(X em ,r,z) function as shown in figure

43. We have already calculated E(Xem ,r,z) for our model skin in

3 Significant differences in autofluorescence spectra
(excited by 366 nm UV light) of normal skin and melanomas
have already been reported by Lohmann et al, (1988, 1991).
There has been no report of the use of autofluorescence
imaging for skin diseases diagnoses yet. For applications
of autofluorescence imaging in other organs, see references
given in chapter 1.
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Figure 43. Definition of the spatial resolution for tissue
fluorescence imaging. A point fluorescence source located in
depth z will become a circular spot due to tissue re-absorption
and scattering. The FWHM of the spot is defined as the spatial
resolution 8.
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Figure 44. Spatial resolution (8) of skin autofluorescence
imaging changes as a function of depth z where the fluorescence
point sources are located. The data were calculated using the
seven layer skin optical model and the Monte Carlo simulation
technique. Note that the minimum 8 data point on the graph is
1.8 gm which corresponds to a source depth of 1.25 gm inside
the tissue. This 8 value is still larger than the fluorescence
wavelength (X = 520 nm = 0.52 gm). The diffraction limited
spatial resolution of imaging is equal to the wavelength of
light.
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chapter 4 using Monte Carlo simulation. Figure 44 shows that 8

changes as a function of depth z where the fluorescence point

sources are located.^One can see that 8 increases almost

linearly with the increasing source depth z (8 'A ,- 1.4z).^The

minimum 8 data point on figure 44 is 1.8 gm which corresponds

to a source depth of 1.25 gm inside the tissue. This 8 value

is still large than the fluorescence wavelength (X = 520 nm =

0.52 gm).^The diffraction limited spatial resolution of an

image is equal to the wavelength of light used.^When the

source is put on the surface (z = 0), the calculated 8 value is

smaller than X and the spatial resolution at this case is

determined by diffraction effect. The 8 vs. z curve further

confirmed that tissue fluorescence measurement is a surface

enhanced technique. Not only is it difficult to detect

fluorescence sources deep inside the tissue, but also the

spatial resolution of fluorescence imaging for deep sources

becomes significantly degraded. This example also demonstrates

how different is skin optics from the traditional geometric

optics and wave optics of homogeneous media.

When imaging a tissue using diffusely reflected light, the

spatial resolution could also be obtained using methods

developed in this thesis. First, we could calculate the

reflected light distribution on the tissue surface, R(x,y),

using Monte Carlo simulation. Then, the angular distribution

of the local radiance, L(r,^), at an interested point inside

the tissue could be calculated. The negative of this radiance,

-L(r,^), could be used to launch photons at that point, and
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Figure 45.^Schematic diagram of how to calculate the light
distribution on the tissue surface when perfect absorbers are
embedded inside the tissue,^using the principle of
superposition.^The spatial resolution of diffuse reflectance
image could be calculated from the R - E l - E2 curve.
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Monte Carlo simulation could again be used to calculate the

escape function, E(x,y), of this point source. Imagine that a

perfect absorber is put at the same point, all light comes to

this point is absorbed. According to the principle of

superposition, the light distribution on the tissue surface is

now equal to R(x,y) - E(x,y). All these proposed computing

procedures are shown in figure 45. Finally, the spatial

resolution could be calculated from the R - E, - E2 curve shown

in figure 45. Comparing figures 43 and 45, one can see that

the fluorescence signal is detected on a zero background, while

the small absorption signal, -E(x,y), is detected on a larger

background signal R(x,y). This clearly demonstrated that the

fluorescence technique has much higher sensitivity than the

reflectance (or transmittance) technique does.

Currently X-ray imaging and magnetic resonance imaging

(MRI) are the two major physical diagnostic methods in clinical

use. Other methods include ultrasound and positron emission

tomography (PET) etc. (Profio, 1993). Examination of the

underlying physical principles shows that, X-ray imaging only

gives the element distribution in tissues. The high energy X-

ray absorption by tissue is caused by striking out the inner

shell electrons of an atom and therefore, is not sensitive to

the chemical state (outer shell electronic states) of the

molecules. The MRI exploits the nuclear spin to form an image

of certain nuclide (i.e. 111) distribution in tissue. MRI is

capable of deriving chemical information and has many

advantages over X-ray. Optical diagnostic methods are
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currently being intensively studied. The light absorption and

fluorescence emission are determined by the outer shell

electronic states of an atom in its compound. Therefore, using

optical methods, we detect or image the chemical states of the

biological tissue. We believe that in the future, optical

spectroscopy and imaging will become complimentary methods of

diagnoses to X-ray and MRI. They may be more powerful in

detection of pre-malignant lesion or detection of a lesion in

its early stage before the element re-distribution becomes

visible under X-rays or MRI.^Optical methods are also more

suitable for surface lesion detection.^For these future

developments, the study of tissue optical properties will be

rewarding.
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CHAPTER 7: APPENDIX

7.1 Monte Carlo simulation of light propagation in biological 
tissue4

7.1.1 Introduction

Monte Carlo simulation of photon propagation offer a
flexible yet rigorous approach toward photon transport in
turbid tissues. This method simulates the "random walk" of
photons in a medium that contains absorption and scattering.
The method is based on a set of rules that govern the movement
of a photon in tissue. The key two decisions are (1) the mean
free path for a scattering or absorption event, and (2) the
scattering angle. Figure 46 illustrates a scattering event.
In addition, at boundaries it must be decided if a photon is
reflected or moves across the boundary. The rules for photon
propagation are expressed as probability distributions for the
incremental steps of photon movement between sites of photon-
tissue interaction, for the angle of deflection in a photon's
trajectory when a scattering event occurs, and for the
probability of transmittance or reflectance at boundaries.
Therefore, the method is rigorous yet very descriptive.
However, the method is statistical in nature and relies on
calculating the propagation of a large number of photons by a
computer.

7.1.2 Sampling random variables

The Monte Carlo method, as its name implies ("throwing the
dice"), relies on the random sampling of propagation variables
from well defined probability distributions. Cashew and
Everett (1955) provide a good reference for the principles of
Monte Carlo modeling. Witt (1977) is also helpful with regard
to calculating photon propagation.

Consider some random variable, x, which is needed by the
Monte Carlo propagation equations. This variable may be a
stepsize(s) which a photon will take between photon-tissue
interaction sites, or an angle of deflection(0) which the
scattered photon may experience due to a scattering event.

4 References used in preparing this section were Jacques,
1993 and Wang and Jacques, 1992.
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Figure 46. Deflection of a photon by a scattering event. The
angle of deflection, 0, and the azimuthal angle, y, are
indicated.

179



180

There is a probability density function, p(x), which defines
the distribution of x over the interval a _.. x b, such that:

b
i p(X)dX = 1^ (35)
a

The probability that x will fall in the interval [a,x 1], such
that a _._ x x1, is given by the distribution function, F x (x),
which is defined:

xi
Fx (xi ) = f p(x)dx^ (36)

a

We wish to utilize the random number generator of the
computer to generate a random variable, that will specify a
unique choice of x that is consistent with the probability
density function p(x). The probability density function for 4
is a constant, p(4) = 1, within the interval [0,1]. The
corresponding probability distribution, F 4 (k), is defined:

F,(;) = f p()c4 = cl^ (3 7)
0

These four functions, p(x), F x (x1), p(), and F 1 ) , are
illustrated in Figure 47.

The key to the Monte Carlo selection of x using 4 is to
equate the probability that c is in the interval [0, 1] with the
probability that x is in the interval [a,x 1]. In figure 47, we
are equating the shaded area depicting the integral of p(x)
over [0,x 1] with the area depicting the integral p() over
[0,4 1]. Keep in mind that the total areas under the curves p(x)
and p(4) each equal unity, as is appropriate for probability
density functions. The results is a one-to-one mapping between
the upper boundaries ; and x i based on the equality of the
shaded areas in figure 47. In other words, we have equated
Fx (xl) with FOC I). For generality, we replace the variables,
; and x1 , by continuous variables c and x:

F
C
 () = Fx (x)
^

(38)
or



ba 4, x

1

1 ^
F (0C

0 ^
0

Figure 47. Sampling of random variables using a random number
The probability density function, p(), maps onto the

probability density function, p(x), via the distribution
functions, FO) and Fx (x). The shaded areas under the p() and
p(x) curves are equal.
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= f p(x)dx
a

where^is a random number between [0,1]. Eq.(39) is the basic
equation for sampling a non-uniformly distributed p(x) based on
a randomly generated variable 4. To illustrate the use of
Eq.(39), the following sections describe the selection of
stepsize, s, the deflection angle, 0, and the azimuthal angle,

W.

Selecting stepsizes, s

The stepsize of the photon is calculated based on the
sampling of the probability for the photon's free path, s E [0,
co]. According to Beer's law of photon attenuation, the
probability, P, of a photon interaction with the medium in the
interval [s i , s i + ds 1] is:

dP {S 
= (1-La + I-L s )P {S

ds1

= IA,Pfs^.50
whereµa is the absorption coefficient,^is the scattering
coefficient, and^is the total attenuation coefficient equal
toµa gs . All units are in cm -1 . Integration of Eq. (40) over
the range [0,s 1] leads to an exponential distribution:

P{s^= exp( --- [tes1 )^ (41)

Eq.(41) can be rearranged to yield the cumulative distribution
function of the free path s:

P{s <^= 1 - exp(-1-tes1 )^ (42)

The probability density function, p(s 1), for the free path s is
then expressed:

dP {s < s1 1
p(s1 ) =^=^exP(-Fltsi)dsi

(43)

Now we apply Eq.(39):
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(40)
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s^s
= .1 p(s)ds = i [1., exp(--pt es)ds

0^0
^ (44)

= 1 - exp( - 11,^)

The right-hand sides of both Eqs.(44) and (42) are the same and
the reader may wonder why we have gone in a logical circle.
Our motive was to first establish p(s) then apply Eq.(39),
which is the general procedure we shall follow for routinely
establishing how to randomly select variables. Rearranging
Eq.(44):

exp(-p, es) = 1 -^ (45)

Solving for s:

s = 
- ln(1 - )^

(46)
I-Lt

Since -1n(1-4) is equivalent to -1n(4) when^is a random
variable in [0,1], Eq.(46) can be restated:

s 
= - 1n(C)^

(47)
1-Lt

Selecting deflection angle. 0

When a photon is scattered, the photon trajectory is
deflected by an angle 0 in the interval [0,n]. The probability
density function that Henyey and Greenstein (1941) originally
proposed for galactic light scattering approximates Mie
scattering by particles comparable in size to the wavelengths
of light, and is given:

p(cos 0) = 
1 - g2^

(48)
2(1 + g 2 - 2g cos 0)3/2

The parameter g is called the anisotropy factor and
characterizes the angular distribution of scattering. It is
convenient to substitute the variable II for the factor cos0,
such that 1.1, is distributed in the interval [-1,1]. This



184

density function, p(11), as proposed by Henyey and Greenstein,
is interesting because the following identity holds:

g = fp(11)p,c1p, = <^>^ (49)

which equals the expectation value <pi>, or <cos0>, and defines
g. Therefore, g characterizes the average amount of scattering
in a medium (Eq.(49)), but also specifies the shape of the
scattering function (Eq.(48)). The anisotropy, g, has a value
between -1 and 1. A value of 0 indicates isotropic scattering
and a value near 1 indicates very forward-directed scattering.
Jacques et al (1987b) determined experimentally that the
Henyey-Greenstein function adequately describes the probability
density function of scattering in the tissue (dermis). Values
for g range between 0.3 to 0.98 for tissues, but quite often g
is '0.9 in the visible spectrum.

Applying Eq.(39):

A g2
=^P(11 )* =^2

(1 + g 2 - 2gii)3'2 
dp,^(50)

Solving for 1.1 (Prahl et al, 1989):

1.1^1^1 + g2^[^
21}

2g^1 — g + 2gC

As g approaches zero, Eq. (51) becomes undefined. But in that
limit, scattering becomes isotropic and the probability density
function of Eq. (48) becomes p(1.) = 1/2. Applying Eq.(39):

=
^1^1 (µ ± 1)

2^2
(5 2)

Solving for pi:

= 2 - 1^ (53)

Selecting azimuthal angle. w

When a photon is deflected by an angle 0, we assume that
the photon deflects symmetrically about the initial axis of

(51)
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propagation at an azimuthal y that is uniformly distributed
within the interval [0,2n].^We here ignore asymmetric
scattering.^The probability density function, p(y), is
constant and equals 1/2n. Applying Eq.(39):

w
=^dy =

0 2n^2n

Solving for y:

y = 274

7.1.3. Rules for photon propagation

This section presents the equations that describe photon
propagation in the Monte Carlo model as applied to tissues.
The treatment draws principally from Prahl et al, 1989. Figure
48 indicates the basic flowchart for one implementation of a
Monte Carlo calculation.

Conventions used in following discussions 

The details of the grid element organization for
accumulating data will be delayed for later discussion in
section 7.1.4. Throughout this section, the "equations" will
often utilize an arrow ( +- ) to indicate the assignment of a
new parameter value, a convention similar to the assignment of
values in a computer programming statement.

Launching the photon

Each photon is initially assigned a weight, W, equal to
unity. The photon is injected orthogonally into the tissue at
the origin, which corresponds to a collimated ray of incident
photons. Alternative photon sources are discussed in section
7.1.5.

When the photon is launched, if there is a mismatched
boundary at the tissue surface, then some specular reflectance
will occur. If the refractive indices of the outside medium
and tissue are n l and n 2 , respectively, then the specular
reflectance, Rsp , is specified:

(54)

(55)
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Figure 48.^A simplified flow diagram for the Monte Carlo
simulation of photon propagation.^The photon is initialized
with a weight of unity. The distance of the photon's step to
the first interaction event is found, and the photon is moved.
If the photon has left the tissue, the possibility of internal
reflectance is checked. If the photon is internally reflected
then the photon position is adjusted accordingly and the
program continues, otherwise the photon escapes and the event
is recorded as observable reflectance (or transmittance). With
each step, the photon's weight is decremented. The fraction of
lost weight is added to the local element of an array
associated with the position of the photon that indicates
photon energy absorbed by the tissue. The remaining photon
weight is then scattered statistically to achieve a new
direction, and a new step is calculated. If the photon weight
falls below a threshold minimum value, then roulette is played
to either extinguish the photon or continue propagation the
photon. (Prahl et al, 1989).
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Rsp

(n1^n2)2

(n1 + .n2) 2 (56)

The photon weight is decremented by Rsp :

W = 1 - Rsp^(57)

The specular reflectance is stored as the parameter Rsp , and is
used when considering total reflectance in contrast to diffuse
reflectance. Subsequent discussion of reflectance refers to
the diffuse reflectance due to photons that entered the tissue
and later escaped.

Photon's stepsize. s

The stepsize of the photon, s, is calculated based on a
random sampling of the probability density function for s. The
computer's random number generator yields a random variable,
in the interval [0,1]. As before using Eq.(47), the sampling
of s is given:

s 
= -^

(58)

where ix t = [Ls^The mean free path between photon-tissue
interaction sites is 144.^In turbid tissues at visible and
near-infrared wavelengths, !A s is typically about 100 times
greater than fla and the scattering coefficient dominates the
prediction of s.

Moving the photon

Once s is specified, the photon is ready to be moved in
the tissue. The current position of the photon is specified by
(x,y,z). The current trajectory of the photon is specified by
a unit vector, r, which is characterized by the direction
cosines (1., !Ay, ,I) , following Witt (1977):

x = r • x
µY = r • Y
^

(5 9)

z = r • z
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where x, y, and z are unit vectors along each axis. Initially
at launching, the photon position is (0,0,0) and the trajectory
is (0,0,1). The new position of the photon is specified by
(x',y',z'), and is calculated:

x'= x + p,xs

y' = y + .tys^ (60)

z' = z +

The simplicity of Eq.(60) is a major reason for using Cartesian
coordinates.

Internal reflectance or escape 

During a step, the photon may cross a boundary.^For
example, the photon may attempt to escape the tissue at the
air/tissue interface. If this is the case, then the photon may
either escape as observed reflectance (or transmittance if a
rear boundary is also included) or be internally reflected by
the interface. The probability of a photon being internally
reflected depends on the angle of incidence, 0 1 , onto the
boundary, where O i = 0 implies orthogonal incidence. The value
of Oi is calculated:

cos-1 (11 z )^if^0
O i =

TC - COS-1 (1.1.z )^if viz < 0
( 6 1 )

Snell's law indicates the relationship between the angle of
incidence, O i , the angle of transmittance, O t, and the
refractive indices of the media from which the photon is
incident, ni , and transmitted, n t :

ni sin O i = nt sin 0,^ (62)

The internal reflectance, R(00 is calculated by Fresnel's law:

1 [ sine (0 i - O t )^tang (0 i -^)
R(0 2 ) =

2 sin2 (0 1 + O t )^tang (0 i + O t )
(63)
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A fraction, 1-R i (0), of the current photon weight
successfully escapes the tissue as observable reflectance, and
increments the local reflectance array:

R(x', y') 4-- R(x' , yi ) + (1. - Ri(0))W (64)

The primed coordinates, x' and y', are used to emphasize that
(x',y') refers to the position of escape, not the position of
the photon. Only a fraction of the step s was taken by the
photon before it successfully escaped. The actual position of
escape must be calculated based on the value of this
foreshortened stepsize, s', which is calculated as:

z
s' =

Z -= ^
1-t z

if z^0

if z
(65)

Eq.(60) is then used, substituting s' for s, to calculate the
position of escape, (x',y').

A fraction R i (0) of the current photon weight is internally
reflected. The new photon weight is calculated:

W^Ri(0)W^ (66)

The photon also has a new position and trajectory. The x and y
coordinates of the position do not change; only the z
coordinate has to be changed:

Z^-z^if z 0 (outside slab at top surface)

z E- 2T - z if z^(outside slab at bottom surface)
( 6 7)

where T is the thickness of the tissue slab. The geometry of
this calculation is illustrated in Figure 49. The new
trajectory simply reverses the z-component of the trajectory:

— 1-tz
^ (68)
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Photon absorption

Once the photon has taken a step, some attenuation of the
photon weight due to the absorption by the tissue must be
calculated. A fraction of the photon's current weight, W, will
be deposited in the local grid element (grid elements will be
discussed later). The amount of deposited photon weight, AQ,
is calculated:

AQ = W
^

(69)
1-tt

The current value, Q(x,y,z), for the total accumulated photon
weight previously deposited in the local grid element (x,y,z)
is updated:

Q(x, y, z)^Q(x, y, z) + AQ^ (70)

The new photon weight, W, is calculated:

W
^

(71)

Note that (12.44 + N's/µt) equals unity, so energy is conserved.

Terminating a photon

If the photon weight, W, has been sufficiently decremented
such that it falls below a threshold value (e.g., W

- threshold =
0.001), then further propagation of the photon yields little
information. However, proper termination must be executed to
ensure conservation of energy without skewing the distribution
of photon deposition. A technique called roulette is used to
terminate the photon when W Wthreshold' The roulette technique
gives the photon one chance in m (e.g. m = 10) of surviving
with a weight of m•W. Otherwise, the photon weight is reduced
to zero and the photon is terminated. A random number,^in
the interval [0,1] is generated by the computer.^The photon
weight is updated according to the following decision:

if^1 /m then W +- m. W

if^> 1 /m then W = 0
^ (72)
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top surface
z = 0^+

Z

( z- T) = 2T - z

Z ■I
■I t

bottom surface
Z

Figure 49.^Total internal reflectance.^When a photon is
totally internally reflected, the z coordinate of the photon is
changed from its would-be position outside the tissue to a
position within the tissue.
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This method conserves energy and eventually terminates photons
in an unbiased manner.

Scattering the photon

Once the photon has been moved and its weight decremented,
the photon is ready to be scattered.^A random number 4 is
generated.^The selection of the deflection angle, 0, is
accomplished in terms of the cos0 or g as previously discussed
in Eqs.(51) and (53):

=

1 {1+ 2^1 - g 2

2g^g^[ 1 - g + 2 g.4
if g >0

(73)

 

-1^ if g = 0

The photon deflection 0 equals cos -1 (g).

The azimuthal angle, y, is calculated as previously
discussed in Eq.(55). The selection of y is based on a random
number, 4:

y = 27.c^ (74)

Once the deflection and azimuthal angles are calculated,
the new trajectory of the photon (W., is calculated
from the old trajectory (µ„, gy , 1.1„) and the deflection angles 0
and y (Prahl et al, 1989, Witt, 1977):

sin 0
=    (11xli2 cosyJ - 1-ty sin kg) +^cos 0

v1 — 11:

sin 0

^

1-Cy = ^ (gygz cos w -^sin ) + gy cos 0
- µz

^l z =^sin 0 cos yr 11l — ji 2z • (µy jA, z cos yr — x sin^y) + 1-tz cos 0

(75)

If the angle is too close to normal (i.e.^> 0.99999) then
the following formulas should be used (Prahl et al, 1989):



1.1 1x = sin 0 cos tv

[Cy = sin 0 sin tv

Wz = cos 0 / I [tz l

Multi-layered tissues 

This is the appropriate point to mention multi-layered
tissue models. Different tissue layers may have different
optical properties and refractive indices. A brief discussion
of how to treat such internal boundaries is presented here.
Consider a photon which attempts to make a step of s within
tissue 1 with 1.1, a1,n 1 , but crosses a boundary into tissue 2
with tia2, Ils2/ n2 after a foreshortened step s l . The first
question asked is whether or not the photon is reflected by the
refractive index mismatch, which depends on the angle of
incidence onto the boundary and the refractive indices, n 1 and
n2. The problem is handled in a manner similar to the above
treatment of internal reflectance to yield a value for R(0 1 )
using Eqs. (61)-(63). To determine whether or not the photon
is reflected by the boundary or transmits into tissue 2, a
random number, is generated:

if^R(0i) then photon is reflected

if c > R(0 i ) then photon is transmitted
^(77)

If the photon is reflected, then the position and trajectory
are simply updated appropriately. But if the photon is
transmitted into tissue 2, then the following procedure is
followed. The photon has traveled a foreshortened step size s l

within tissue 1, which corresponds to a distance of s 1.u,tl in
dimensionless units of optical depth. The photon still intends
to travel a further distance of (s-s 1 ) LItl• But this additional
distance will take place in tissue 2. Therefore, the remaining
stepsize, s 2 , in tissue 2 is specified:

S2 = 
(s - s^ ) µ„^ (7 8)

Eq.(60) is used, substituting s l for s, to calculate the
foreshortened step within tissue 1. Then Eq.(60) is again
applied, substituting s 2 for s, to complete the step in tissue
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2. This approach is relatively simple. Of course, we are not
mentioning the hardest task, which is developing efficient code
that manages the geometry of tissue structures and detects
boundary crossings.

7.1.4 The data

The basic idea

The basic strategy of this implementation of the Monte
Carlo method is to record the accumulated photon energy
density, Q, in J/cm 3 that is deposited in a local tissue volume.
The local light fluence, (D, in J/cm 2 is calculated using the
local absorption coefficient, g a , in cm -1 :

(79)

The grid elements 

The propagation of photons according to the equations in
section 7.1.3 is conducted using Cartesian coordinates. A
choice must still be made regarding how to store photon
deposition. One must choose an array to serve as the grid
element system for data acquisition of the internal
distribution of Q.

Since many of our problems are symmetric around the
central z-axis, we have chosen a grid system in cylindrical
coordinates to minimize the computer memory space required. A
cylindrical coordinate system requires two variables (r,z),
whereas a Cartesian coordinate system requires three variables
(x,y,z). Also, we have chosen equally spaced grids because the
resulting plots of isofluence contours are smooth at positions
distant from the source at the origin. In contrast,
logarithmically scaled grid sizes offer better resolution near
the source but poorer resolution at distant points. But these
choices are somewhat arbitrary.

Let us organize the grid in cylindrical coordinates as an
array Q[i,j] which corresponds to the accumulated energy
deposition, Q(r,z), in units of photon weight. Photon
propagation is conducted in Cartesian coordinates of x, y, and
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z, as discussed previously.^Energy deposition is stored in
cylindrical coordinates of r and z. The coordinate r is given:

r = Nix2 + y2
^ (80)

Which always yields a positive value for r. All values of z
are positive within the tissue slab. The grid element [i,j]
corresponds to the position (r,z) such that:

idr < r < (i + 1)dr
jdz < z < (j + 1)dz
^ (81)

If the computer language offers an INTEGER function that rounds
off 2.49 to 2 and 2.51 to 3, then the following assignment
statements can be used:

r
i = INTEGER(^- 0.5)

z
j = INTEGER ^-0.5)

dr

dz

^ (82)

and INTEGER of a negative number equals zero.

The volume, dV, of the volume element corresponding to
[i,j] is calculated:

(i+l)dr

dV =^2nrdrdz
_Jar

= n(((i + 1)dr) 2 - (idr) 2 )dz^ (83)

= (2i + 1)ndr 2dz

Note that in this cylindrical system, each volume element
corresponds to an annular ring whose diameter is - r, thickness
is dr, and depth is dz.

Converting the raw data to 0 and (1)

After completing a Monte Carlo simulation involving N
photons (e.g. N = 1,000,000), the accumulated deposited photon
weight is stored in grid elements Q[i,j] in units of photon
weight. This raw data is converted into energy density,



197

Q[i,j], in units of J/cm 3 by assuming that the total energy of N
photons represents some value of energy, for example 1J. In
this sense, each "photon" is really a packet of photons. Then,
the energy density is calculated by the following expression:

Q[i, i] 4—

 Q[i, j] • (1 Joule)

NdV
^ (84)

To calculate the light distribution, (Ni,j], in J/cm 2 , Eq.(79)
is restated in terms of the arrays:

(1)[i, j] 
= I-La [ 1 , .i]

Q[i, jl ^
(85)

where laa [i,j] denotes the absorption coefficient of the local
grid element. In a uniform tissue, 1.t a is constant, but in
complex tissue models ila may vary.

Reflectance (transmittance) data

Recall that reflectance (or transmittance) of photons,
R(x,y) or T(x,y), were calculated in terms of their position of
escape at (x,y). Let us choose to store the reflectance in the
array R[i] where i denotes the cylindrical coordinate r, as
defined in Eqs.(80)-(82). The raw data is converted to a
useful form by the expression:

R[i, j]
R[i, _1] E—

The units of R[i] are cm -2 .

In general terms, R(r) is the local diffuse reflectance in
cm -2 , which expresses the fraction of the incident energy that
escapes per unit area of surface. The total reflectance, Rt , is
given:

Rt = Rsp + 5 R(r)27trdr
^ (87)

0

N(2i + 1)7cdr 2
(86)

where Rsp is the specular reflectance that occurred at photon
launching (see Eq.(56). Both R t and Rsp are dimensionless.
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7.1.5 Varieties of sources

The above treatment has considered a Monte Carlo
simulation where all photons were launched at the origin
perpendicular to the tissue surface. The result is essentially
a narrow impulse of collimated radiation incident at the
surface, which is a special case not usually encountered in the
research laboratory or medical clinic. More typical types of
sources are the uniform flat-field beam of a finite diameter,
the Gaussian beam profile, the divergent beam from an optical
fiber, and a point source of fluorescence within a tissue. The
propagation and data analysis equations of section 7.1.2 and
7.1.3 can be applied to all these cases.

Consider cylindrical symmetry incident beam (e.g. flat-
field beam and Gaussian beam). The response of a symmetric
tissue to the finite diameter beam can be obtained by
convolving the impulse response against the radiant exposure
distributions of the light beam.

Flat-field beam

Assume a collimated flat-field beam has a radius w and a
total energy of 1 unit (e.g. 1 J). The radiant exposure of the
source, S(r), is given:

{1 / nw2 r 5 w
S(r) =

0^r > w (88)

Let us assign the values of (1)(r,z) obtained by Eq.(85) to a new
function G(r,z) to emphasize its role as an impulse response:

G(r, z) = 439(r, z)^ (89)

The function G will be repeatedly used during subsequent
convolutions to generate various distributions for cD(r,z) that
depend on the radiant exposure, S(r).

Convolution of the impulse response G against the radiant
exposure S in cylindrical coordinates is illustrated in figure
50, and is specified by the expression:
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27[

CD (r, z) =^S(r') J G(Vr2 + r' 2 -2rr' cos cc' , z)doc' • r' dr'^(90)
0^0

where w is the radius of the source, a' is the angle between
the vector from the origin to a source point (r',a') and the
vector from the origin to an observation point (r,0). Although
G depends on z, the convolution is evaluated completely for one
desired depth, so z is a constant during each integral
evaluation. The units of G are cm -2 , the units of S are J/cm 2 ,
the double integration yields area in units of cm 2 , therefore
the resulting (1) is in units of J/cm 2 .

There is a symmetry to this convolution which simplifies
numerical evaluation. The cylindrical coordinate system may be
transformed, as depicted in figure 50b, which allows Eq.(90) to
be restated:

w+ r^1 27t

4:13(r, z) =^G(r" , z)^S(•r2 + r" 2 -2rr" cos a") • dcc" I • r" dr"^(91)
w- r^L 0

The advantage of the transformed coordinate system is that the
integral within the brackets becomes independent of depth z
because S is independent of z. Therefore, a single evaluation
of the bracketed term can be repeatedly used for each of the
many depth, z, which are considered. In contrast, the
bracketed term in Eq.(90) requires reevaluation for each depth
z that is considered because G depends on z.

The transformation is illustrated in figure 50. The first
coordinate system has its origin at the center of the source,
as in figure 50a and Eq.(90). The point of observation is at
(r,0). An incremental region of source is located at (r',a')
and has a value S(r'). The distance between the source point

and observation point is d' equal Vr2 r -2rr ' cos a' .^the
limits of integration range from zero to w which is the radius
of the source.

The second coordinate system has its origin at the center
of the point of observation, as in figure 50b and Eq.(91). The
source is centered at (r,0). The incremental region of source
is located at (r",a") and has a value S(d"), where d" equals



B
d" = r2 + r"2 -2rr"cosa"

Figure 50.^Coordinate system for convolution of impulse
response, G, over the source function, S (stippled region).
The thin lines indicate the rings of integration during
convolution in cylindrical coordinates. The coordinate systems
shown are equivalent. (A) The origin is at the center of the
source.^The observation point is at (r,0).^The convolution
involves S(r') and G(d').^(B) The origin is at the point of
observation.^The center of the source is at (r,0).^The
convolution involves S(d") and G(r").
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+ r"2 -2rr" cos a" . The distance between the source point
and observation point is r". The limits of integration range
from w-r to w+r, which are the minimum and maximum distance
between a source point and the observation point. Note however
that much of the region of integration lies outside the source
and therefore the value of S in the integrand is zero.

In the original coordinate system (Figure 50a), the
uniform flat-field beam provides a source of radiant exposure,
S(r'), that is specified:

P / rcw2^r' w
S(r') = j

I 0^r'> w
(92)

where P is the total power of the laser beam.^In the
transformed coordinate system (figure 50b), the solution for
t(r,z) is conveniently summarized by restatement of Eq.(91):

w+r

cD(r, z) = f G(r" , z)0(r, r" )27tr" dr"^ (93)
w-r

where 0(r,r") equals the integration within the bracket in
Eq.(91) divided by 27t:

1
(r, r") =^f S(Vr2 + r "2 -2rr" cos a")da"

2n

 

it w2
ao"^P
it^nw2

0

r + r" w

r - r"1 < w or w < r + r"
r +^> w

 

where

(94)

ao" .= cos ^
^r "2 _ w2^

(95)
2rr"

The three situations specified in Eq.(94) are illustrated in
figure 51.
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Ir - el < w
or

w < r + r"
B

Ir - rl > w C

r = distance between centers of circles

Figure 51. Convolution for a uniform laser beam. The source
is a circular laser beam with radius w (stippled region). The
observation point is at the center of the second circle (not
stipled) with radius r". The convolution using the coordinate
system of figure 50B involves integration over all possible
values of r". Three situations arise. (A) The ring of
integration with radius r" is completely within the source.
(B) The ring of integration is partially within the source.
(C) The ring of integration is never intersects the source.
Eq.(94) lists the forms of the integrand for these three
situations during the convolution.



S(r) = exp(-2r2 / w2 )
nw2

2
(96)
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Gaussian beam

A Gaussian beam with a 1/e 2 radius of w and a total energy
of 1 unit (e.g. 1 J) has the following radial distribution:

which conserves energy:

f S(r)27trdr = 1^ (97)
0

The convolution formula for a Gaussian beam profile was derived
by Prahl et al, 1989:

2P ")0(r, z) =^exp[ -2(r / w)2 ]i. G(r" , z) exp[ —2(r " /w) 2 ] • -To 
4rr 

( w2 2 nr " dr"
TC W2

0

(98)

where I0 is a zero-order modified Bessel function.

7.1.6 Modifying MCML for isotropic photon sources

The^University of Texas M.D. Anderson Cancer Center
provided us a program called MCML (standing for Monte Carlo
Modeling of Light Transport in Multi-layered Tissue in Standard
C, Wang and Jacques, 1992) which implemented numerically all
the principles, rules, and equations discussed in proceeding
sections. The MCML program can be readily used to calculate
the responses of a multi-layered tissue to a normal incident
light beam on the surface. However, the fluorescence emissions
inside the tissue are buried isotropic photon sources. In
order to model the fluorescence escape processes, the MCML
program had to be modified.

The problem of buried isotropic photon sources inside the
tissue of multiple planar layers is still cylindrically
symmetric. Therefore, the data recording (grid) system and the
propagation simulation functions need no changes. The major
changes to the MCML program were at the photon launching. The
fluorescence source is buried and isotropic. So the launched
photons should be equally distributed over the 4n steradians.
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This was realized by utilizing the function Spin() in the MCML
program. This function accomplishes the photon scattering
event governed by the Henyey-Greenstein phase function
[Eq.(48)]. We first initialized the photon packet to be
unidirectional (e.g. +z direction) temporarily, then pretended
that the whole photon packet suffers an isotropic scattering on
the same spot as initialized using the function Spin(). The
anisotropy factor g in this function was set to zero. Other
changes included defining one more variable to record the depth
of the source inside the tissue and corresponding input
structure changes of the MCML program.

The correctness of the modified program was verified by
comparing the results obtained by this program with that
published in the literature (e.g. Keijzer et al, 1989b).
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