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Abstract 

Laser Doppler perfusion imaging (LDI) is currently used in a variety of clinical and 

research applications and is a useful tool for assessing skin perfusion and burn depth. 

However, LDI instruments are limited to relative measurements of tissue blood flow and long 

scan times and produce images of low resolution. 

In this study, two LDI instruments were investigated and compared for their ability to 

measure in-vivo bum wound and rabbit ligament blood flow. One LDI system was supplied 

with two lasers, allowing for additional assessment of the effect of wavelength on perfusion 

imaging in these tissues. A significant positive correlation was observed in all comparisons of 

instruments and wavelength, confirming that both LDI techniques provide valid in-vivo 

measurement of dynamic changes in tissue perfusion and could have significant impact on the 

treatment of tissue injury. In addition, output from both instruments was significantly 

correlated with the clinical grading of bum scars. Results suggested that faster scan times and 

higher resolution provided a distinct advantage for clinical applications. Results also 

suggested that tissue optical properties play a key role in the perfusion measurement. 

As a method for measuring tissue optical properties during an LDI measurement, a 

new tissue spectroscopy instrument was designed. Instrument output was shown to produce 

laser penetration depths and sampling volumes, along with additional physiological 

properties, such as hemoglobin concentration, oxygenation, and tissue percent 

vascularizations. Pilot studies using this new instrument show results comparable to other, 

more invasive, methods. 

A new optical perfusion imager using a laser speckle measurement technique was 

designed and investigated. Measurements of tissue phantoms, human skin, and rabbit joint and 
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muscle tissue were made using this instrument and compared with a commercial laser Doppler 

perfusion-imaging instrument. Results showed that, although both laser Doppler and laser 

speckle imagers gave a similar response to blood flow changes, the laser speckle technique 

produced higher resolution perfusion maps in a much shorter period of time. The laser 

speckle instrument was also adapted for endoscopic use, demonstrating the clinical potential 

of this new technique. The compact, high resolution fast-response features of LSI made the 

new instrument more versatile in a clinical environment. 
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CHAPTER 1 

INTRODUCTION 

Blood flow is crucial to the metabolic and functional demands of all vascularized tissues 

of the body. Physiological maintenance of vascularized articular tissue homeostasis is met by 

delivery of oxygen and nutrients and removal of by-products of tissue metabolism (5). Stresses 

such as joint injury, infection, or inflammation can also lead to acute and possibly chronic 

vascular responses in joints (12). Since adaptive changes in flow are believed to be important for 

normal tissue physiology and function, the measurement of tissue perfusion is a crucial step in 

developing a better understanding of vascular responses in joint tissue. 

Blood flow can be measured using several techniques that depend on direct 

observation, such as plethysmography, thermal, or radioisotope clearance methods (8, 14). 

However, these techniques are slow and cumbersome, invasive, and disturb the tissue's 

normal state. Of the less invasive techniques, ultrasound can be used but is limited to 

measuring higher flows at lower resolutions and is ineffective for measuring capillary blood 

flow. Methods employing the Doppler effect or speckle statistics use optical techniques to 

measure blood flow in the microcirculation. These techniques have rapid response times, are 

minimally invasive, and are capable of producing near real-time, two-dimensional images of 

tissue microcirculation. 

Commercial instruments for measuring tissue perfusion, based on Laser Doppler 

flowmetry (LDF), have been available since the early eighties. The LDF technique is a single 

point measurement and is useful for monitoring temporal changes in tissue perfusion but is 

not useful for making the type of quantitative diagnostic measurements described in this 
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study. The reason for this is that these instruments are single point measurements, limited to 

measuring only a small fraction of the entire tissue microvasculature (31, 32). Since most 

tissue types are heterogeneous in nature, LDF measurement is very sensitive to the location 

of the probe on or within the tissue. This results in a highly subjective measurement that 

cannot be used for comparison studies (20). 

Laser Doppler perfusion imaging (LDI) is a recent advance in the LDF field. LDI 

uses a laser scan to provide a color-coded, two-dimensional image of tissue blood flow 

without disturbing the tissue of interest, (16, 41). These two-dimensional scans display the 

tissue microvascular structure and can be used to determine boundaries between normal and 

damaged portions of the tissue. It has also been shown that an average can be obtained from 

the blood flow image that is less subject to tissue heterogeneities than single point 

measurements and can provide a quantitative index of tissue perfusion that can be compared 

between individuals (6). LDI is therefore much more useful as a clinical diagnostic 

instrument. 

LDI is currently used in a variety of clinical applications and is a useful tool for 

assessing bum depth, organ perfusion, and vascular responses in skin. For the assessment of 

burn depth, routine LDI scanning of burn patients within 2 days of hospital admission is 

becoming a clinically accepted practice for prognostic evaluation of burn injuries. In a 

recently published study, the accuracy of burn depth assessment by laser Doppler perfusion 

imaging was found to be 97%, as compared with 60-80% for established clinical methods 

(34). Kloppenberg and co-workers (28) showed that burns of a specific depth had distinctive 

perfusion patterns, and there were significant differences in average perfusion between full-
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thickness burns requiring surgical treatment and burns with regenerative capacities. There 

was significant correlation between burn depth, healing time, and burn wound perfusion as 

measured by LDI. 

Currently, there are only two laser Doppler perfusion imagers manufactured for clinical 

and research applications. Although these instruments are based on the same principles of 

photon-tissue interaction, they use different methods of light delivery, detection, and signal 

analysis that influence their measured response to blood flow changes (20). One of the 

instruments (Moor LDI) uses two lasers and can perform perfusion scans at red and NIR 

wavelengths (20). Deeper penetrating NIR wavelengths have the potential to impinge upon 

deeper lying vascular structures and produce significantly different perfusion maps than the red 

wavelengths, providing more information on tissue vascular structure. 

1.1 Specific aims 

1.1.1 Validation of LDI 

The first aim of this study was to compare two different LDI technologies for measuring 

blood flow in the hypoaemic rabbit MCL and burn scarred tissue. The rationale was to validate 

LDI as a useful technique for 1) the study of blood flow in models of joint injury and arthritis, 

and to determine which technology is more responsive in these low flow tissues and 2) the 

assessment of bum scars. 

1.1.2 Tissue spectroscopy 

The study of light propagation and distribution in tissue was necessary for the 

effective application of optical diagnostic and therapeutic techniques. When laser Doppler 

techniques are used for measuring tissue blood perfusion an uncertainty in the photon 
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sampling depth leads to ambiguous interpretations in the fraction of microcirculation that 

contributes to the Doppler signal (6, 20). 

It has already been established that NIR wavelengths penetrate deeper than red 

wavelengths (1) and, therefore, might be measuring blood flow from layers located deeper in the 

tissue bed. Further aims are to determine whether NIR and red wavelengths are measuring the 

same or different regions of flow in the rabbit MCL and bum wounds. The second aim of this 

study was to develop an instrument using tissue spectroscopy to measure tissue optical 

properties dynamically and simultaneously with an LDI measurement. This new technique 

was tested and evaluated using computer simulations of photon transport and measurements 

in optically controlled tissue phantoms. After rigorous testing, the instrument was used for 

the in-vivo measurement 'of tissue structure and metabolic state in human skin and rabbit 

articular tissue. 

1.1.3 Laser speckle instrumentation 

An obvious advantage of LDI is that it is a non-contact, quantitative, optical 

technique that can image and assess tissue health and dynamically monitor the healing 

process. However, the technique has long scan times and low image resolutions. This has 

several disadvantages for both clinical and research applications; the subject must remain still 

during the entire scan, the clinician must use a low-resolution image for diagnosis, and LDI 

cannot be used to image dynamically high frequency blood flow fluctuations. Also, when the 

instrument is used for the dynamic monitoring of vascular change, the clinical relevance of 

the generated blood flow images is questionable because they are generated using a 

sequential scanning technique rather than simultaneously captured image points. The 
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temporal separation between the first and last image points within the scan can be of the 

order of several minutes. 

To overcome the limitations associated with LDI a new optical technique for imaging 

blood perfusion is presented using conventional CCD camera technology and image analysis 

of temporal and spatial speckle statistics. This new method for imaging tissue blood flow is 

called laser speckle perfusion imaging (LSI). The third aim of the study, therefore, is to 

compare these two different perfusion-imaging technologies for measuring blood flow in 

human skin and rabbit joint and muscle tissue. The rationale is to validate LSI as a useful 

technique for studying blood flow in tissue and to evaluate the potential clinical advantages 

that LSI has over LDI: short image capture time and high image resolution. Finally, as a 

demonstration of these advantages, an endoscopic LSI is designed and tested for its ability to 

measure tissue perfusion endoscopically. 
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CHAPTER 2 

BACKGROUND 

2.1 Biology 

2.1.1 Tissue Microcirculation 

Tissue microcirculation plays an essential role in the regulation of metabolic, 

haemodynamic, and thermal processes. Its physiological state can vary over both long and 

short periods, where inadequate tissue perfusion can result from vascular disease or injury. 

For these reasons, the physiologist and clinician are both interested in monitoring the blood 

flow and distribution of the microvascular network rapidly, conveniently and with minimal 

invasiveness. 

The cardiovascular system supplies blood to the various organs and tissues of the body. 

It consists of a vascular architecture containing large vessels, successively branching into 

smaller vascular components until finally the capillary network is reached. Capillaries are thin 

endothelial tubes, usually 1-2 mm in length and 4-10 tm in diameter. They provide a 

connection between the arterioles and the venules via a smooth muscular package known as the 

precapillary sphincter. Because there are no smooth muscles within a capillary wall, it must rely 

on arterial pressure and the tonus of contractile precapillary sphincters for the transportation of 

red blood cells (RBCs). Precapillary sphincters are bands of smooth muscles that control flow 

through the capillary network by responding to local changes in pH, oxygen, temperature, and 

vasoconstrictor or vasodilator agents. However, the entire capillary network may be bypassed 

by blood flow through the arteriovenous anastomoses (AVA) or through preferred channels 
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within the capillary plexus. These vessels are important components in body-temperature 

regulation and are commonly located in the hands, feet, and ears. 

Capillaries are the only vessels whose walls permit exchange between blood and 

interstitial fluid. Within the capillary, the red blood cells move with speeds of 0.4 - 0.8 mm/s. 

This provides sufficient time for the exchange of respiratory gases, fluids, and metabolites to 

take place. 

The capillary network of each organ is structured according to the specific needs of its 

metabolic processes. There are three different types of capillaries, differentiated by the structure 

and functions they perform. Capillaries with a continuous tube-like structure are found within 

muscle and nerve tissue, gonads, lungs, and skin. Fenestrated capillaries contain pores between 

the endothelial cells and are found in the kidney, glands, intestine, and connective tissues. The 

liver, spleen, and bone marrow contain irregular shaped sinusoid capillaries. Capillary density 

varies between tissues. For example, the skin has a density of about 50 capillaries/mm2 while 

muscle can have a density as high as 2000 capillaries! mm2. 

2.1.2 Connective tissue 

Connective tissues contain specialized cells and extracellular protein fibers immersed in 

a fluid called ground substance. The extracellular fibers and ground substance constitute the 

matrix that surrounds the cells. The structuring of this matrix determines much of the scattering 

properties of connective tissue, where mismatched boundaries exist between the fibers and 

ground substance. There are three basic types of fiber found in connective tissues: collagen 

fibers, reticular fibers, and elastic fibers. The relative numbers of cells, fibers, and ground 
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substance classify connective tissue, where collagen fibers make up most of the volume of dense 

connective tissues. 

One of the basic functions for all connective tissue is to establish a structural framework 

for the body. This structuring is designed to handle the forces and stresses directed upon the 

tissue. Dense irregular connective tissue is designed to handle stresses from many directions and 

has an interwoven meshwork of fibers. Dense regular connective tissue experiences highly 

directional forces and collagen fibers align themselves in the direction of these forces. These 

structured units create boundary-scattering events that can lead to light guiding effects. In this 

way, calcified and non-calcified connective tissue can have similar optical properties where 

anisotropic and isotropic scattering occurs in irregular or regular connective tissue types, 

respectively. 

2.1.3 Ligament and tendon 

Ligament and tendon are examples of regular connective tissue. These tissues contain 

fibrils that are gathered into groups of fascicles bound together by a loose connective tissue 

containing a supporting network of blood vessels and lymphatics. These fascicles form the 

tendon or ligament proper that is encased in a sheath called the epitendon or epiligament. The 

epitendineum or epiligament contain the blood vessels that supply the tissue proper. 

2.1.4 Skin 

The main function of the skin is to provide a protective barrier for the underlying tissue 

and to regulate body temperature. Skin is composed of three layers: the epidermis, the dermis, 

and the subcutis. The epidermis is roughly 0.1 mm thick and is subdivided into several sub-

layers that are characterized by the different maturation stages of keratin, where fully 
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keratinized cells form the outer layer, called the strateum corneum. Within the basal layer of the 

epidermis, melanocytes synthesize the melanin pigment, having absorptive properties that 

interact with the dermal blood supply to give color to skin. The innermost layer of the epidermis 

(the stratum germinativum) forms epidermal ridges that extend into the dermis (0.5 - 3 mm 

thick) at the epidermal junction. The dermis has two main layers: the superficial papillary layer 

and a deeper reticular layer. The reticular layer consists of a meshwork of dense irregular 

connective tissue that is very effective at randomizing tissue-optical scattering events. From a 

network along the border between the reticular layer and the subcutaneous layer, arteries supply 

blood to the skin. This network is called the cutaneous plexus. Adipose tissues of the 

subcutaneous layer and the tissues of the integument are supplied by tributaries from these 

arteries. Small arteries traveling toward the epidermis branch outward into structures that supply 

the hair follicles, sweat glands, and other structures of the dermis. At the papillary layer these 

small arteries branch into another network called the papillary plexus that provides blood to 

capillary loops within the region of the epidermis-dermis boundary. Blood from these capillaries 

empties into small veins connected to larger veins of the subcutaneous layer. 

Skin blood flow is regulated by changes in blood vessel diameter. These changes are 

controlled by neural, local, or myogenic mechanisms. Neural mechanisms are regulated by the 

sympathetic nervous system. Humoral substances and those produced by the tissue itself control 

local regulation. Pressure sensitive smooth muscles in some of the microcirculatory vessel wails 

induce the myogenic control mechanisms. 
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2.2 Laser tissue interaction 

The instruments described in this study perform fiber optic and remote optical 

measurements of laser illuminated tissue, with source and detector positioned directly above 

a tissue surface. Therefore, an understanding of optical surface boundary effects and light 

propagation in tissue is essential for a proper interpretation of the measurements. 

2.2.1 Specular reflection and boundary effects 

Fig. 2.1 illustrates a typical diffuse reflectance measurement and the optical 

interactions that can occur when collimated light is incident upon tissue. Of the incident light, 

a portion will be immediately reflected by the air-tissue boundary. This light component is 

called specular reflection and does not interact directly with internal tissue structures. It 

contains information about the tissue surface (surface roughness and tissue refractive index) 

but does not provide information pertaining to the internal structure of tissue. 

The fractional component of the collimated light arising from specular reflection is 

determined by the relations of Fresnel and is given by: 

R - 1 [tan2 (e, — 92) + sin2 (e, — 92) 
- 2 tan' (0, + 92) sin  (a, + 9 2) 

(2.1) 

where illumination with unpolarized light is assumed and the angles of incidence, 9, and 

refraction, 92, are related to the refractive indices of tissue, n2, and air, flj, and are determined 

by Snell's law: 

n1sin81 = n2sin92. (2.2) 
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When a smooth flat tissue surface is illuminated, a highly structured component of 

light from specular reflection can occur, having an angle of reflection equal to the angle of 

incidence. 

Laser 

source 

Tissue Incident_— 

\ collimated 
\ light 

Absorption 
event 

Detector 

Specular 
reflection 

Diffuse 

reflectance 

"11• Collimated 
transmission 

Scattering 
  event 

Fig. 2.1: Light-tissue interactions and reflectance measurement for collimated light incident 
upon a tissue surface. 

2.2.2 Collimated transmission 

After specular reflection, the remaining fractional component of the original light beam 

is transmitted through the tissue boundary. It interacts directly with the internal tissue 

components, where it is attenuated by absorption and scattering events according to Beer's law 
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T(z) =7(1—R)exp{—(1a0 + Jiç)ZJ, (2.3) 

where T(z) is the fluence rate of collimated light at depth z in the tissue, To is the collimated 

light incident upon the tissue surface (W/m), and Pa and p.s are the absorption and scattering 

coefficients, respectively. These coefficients are defined as the probability of absorption and 

scattering per unit path length. They are used in radiative transport models of light 

propagation and characterize the spatial distribution of laser-irradiated tissue. These 

coefficients are wavelength dependent, but within most tissues visible to near-infrared (NIR) 

photons can travel between 1 to 100 mm before being absorbed (Ua 0.01 - 1 mm) or 10 to 

100 jm before being scattered (a3 -. 10 - 100 mm") (42). 

Absorption in tissue is due to its population of chromophores, molecules that absorb 

ultraviolet (UV), visible, and NIR radiation. These chromophores give tissue its spectral 

structure and, as a result, tissue spectroscopy can be used to determine tissue composition. 

Each tissue contains its own specific chromophores, which can vary with metabolic changes. 

Some of the more prominent chromophores are hemoglobin and myoglobin, thus, a tissue's 

absorption can depend strongly on its blood content and oxygenation status. Other important 

chromophores are bilirubin, melanin, and the cyto chrome pigments of the respiratory chain in 

mitochondria. 

Between 600 to 1300 nm there is a window where absorption is at a minimum and light 

interaction with tissue is dominated by scattering. For wavelengths greater than 1300 nm, 

absorption by tissue water content becomes significant. Minimal absorption, combined with a 

strong forward directed scattering, permits deeper penetration for photons having wavelengths 

between 600— 1300 nm. 
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The penetration depth, 6, of the collimated beam is defined as the mean free path of photon 

travel between absorption and scattering events and is the depth at which the collimated light is 

reduced by 37 percent. The penetration depth is, therefore, the inverse of the attenuation 

coefficient, k which is the sum of the absorption and scattering coefficients: 

(2.4) 

It is difficult to measure only the collimated component of transmitted light through 

tissue, where, invariably, measurements of transmitted light will include scattered 

components. However, for laser Doppler and speckle measurements, the penetration depth 

provides an indication of the fraction of micro circulation contributing to the measurement. At 

red and NIR, wavelengths photon penetration depths of 1 to 5 mm are observed, where 

penetration is seen to increase with increasing wavelength due to a decrease in the hemoglobin 

absorption spectrum. For these reasons, it is believed that LDI using NIR sources samples 

deeper vascular structures than LDI using red sources. 

2.2.3 Models of light tissue interaction 

Beer's law is sufficient for modeling the measurement of collimated light through 

thin tissue sections, but for diffuse reflectance measurements of bulk tissue the propagation 

of light in the visible to NIR is dominated by scattering. Moreover, the scattering is 

anisotropic having a strong forward component, defined by an anisotropy parameter, g, and 

equal to the average cosine of the scattering angle. For tissue, g can be 0.8 or higher and must 

be considered along with the absorption and scattering coefficients to define fully the optical 

properties of tissue. 
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Due to these complicated processes of interaction, a direct derivation of optical 

coefficients is not possible. The challenge with optical diagnostics is that an indirect iterative 

technique must be used: several iterations of optical parameters are modeled and compared to 

the reflectance measurement using a non-linear, least-squares testing procedure. Using this 

technique, the best estimate of the absorption and reduced scattering coefficient is generated. 

Numerical techniques (4, 40) and analytical models (17) are chosen to describe the 

relation between the measured parameters, such as reflection and transmission, and the 

optical properties. These models must accurately characterize the photon source while 

satisfying appropriate boundary conditions defined by the tissue geometry. 

Diffusion model of light tissue interaction 

The modeling of light fluence in tissue can be simplified by making two 

approximations. The first is that the fluence of light measured in tissue, having a strong 

forward dominated scattering component, can be approximated to a fluence of light where 

scattering is isotropic. In this case, a reduced scattering coefficient, t', =j-ts (1-g), is used and 

fluence is determined by the isotropic absorption and reduced scattering coefficients. These 

coefficients are used to define the effective attenuation coefficient 

/eff [3 /i a (id a + )]), (2.5) 

which in turn is used to determine the effective penetration depth of laser light within tissue 

eff/,Ueff 
(2.6) 



15 

The effective penetration depth is the radial distance at which light fluence from a 

point source diminishes by 37 percent and is a useful parameter for determining the region of 

microcirculation sampled by a single laser Doppler measurement point. 

The second approximation is that the fluence rate, 'I'(r), satisfies the diffusion 

equation, which can be derived from the Boltzman radiative transport equation ( 17). The 

diffusion approximation is a relatively simple differential equation with an exact analytical 

solution, which can generate optical coefficients in the relatively short interval of time necessary 

for clinical applications. 

Monte Carlo simulation of light tissue interaction 

The Monte Carlo method is a numerical technique simulating the "random walk" of 

photons in a medium that contains absorption and scattering potentials. This method can 

simulate various light source/detector configurations for finite tissue geometries. Photon 

propagation is expressed 'as probability distributions for: 1) the incremental steps of photon 

movement between interaction sites, 2) the occurrence of a scattering event, 3) the angle of 

scattering, and 4) the probability of reflectance or transmittance at a boundary. If the light source 

is external and incident on a tissue surface then specular reflection is calculated using equation 

2.1. Similarly, at the tissue—air boundary the internal reflection or escape of a photon from the 

tissue surface is determined using the same equation. 

The Monte Carlo technique is a flexible yet rigorous application of the radiative 

transport equation and provides a descriptive approach but is statistical in nature, requiring a 

large number of photons and a significant amount of computer processing time. As a result, it 

is ineffective for optical diagnostic measurements that require the real-time generation of 
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biological parameters but provides a useful tool for testing the analytical models that can 

generate optical parameters in near-real time. 

2.2.4 Measurement of light-tissue interaction 

Several techniques can be used to correlate macroscopic measurements, such as 

reflectance and transmittance, with the microscopic optical properties of tissue. 

Wilson and co-workers (9, 43) have reviewed the various methods to measure optical 

properties. Most of the methods were invasive where thin slices of tissue are removed for both 

reflection and transmission measurements made using an integrating sphere. Minimally invasive 

or non-invasive techniques include: 1) steady state, interstitial measurements with isotropic 

detectors (1), 2) time domain methods using short pulse illumination (35, 37), 3) frequency 

domain measurements using sinusoidally modulated light with phase delay and amplitude 

modulation ( 18, 37), and 4) steady state, spatially resolved diffuse reflectance measurements 

(17). 

Only non-invasive, in-vivo techniques can be effectively used for purposes of clinical 

monitoring of tissue optical characteristics and metabolic activity. Time resolved and frequency 

domain techniques require relatively expensive instrumentation and may prove to be ineffective 

for clinical applications, while steady state, spatially resolved diffuse reflectance measurements 

provide a cheap, cost effective method for obtaining tissue optical properties. 
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Fig. 2.2: Model of semi-infinite half space with point source and point source image simulating 
a diffuse reflectance measurement of collimated light incident upon tissue surface. 

Spatially resolved diffuse reflectance measurement 

For cost effectiveness and its ability to conform to the boundary conditions imposed 

by an LDI measurement, instrumentation using a spatial measurement of diffuse reflectance 

was chosen as a method for generating tissue optical properties during LDI measurement. 

The optical designs and model for light-tissue interactions used in the instrumentation 

are based on modifications to a previous technique proposed by Farrell and co-workers ( 17). 

The technique uses diffusion theory to model light-tissue interactions, with a "method of 

images" approach for approximating the top surface boundary condition imposed by an LDI 

measurement. By treating the tissue as a semi-infinite half space, an analytical expression for 

the diffuse reflectance as a function of radial distance between the source point and an 

arbitrary point located on the tissue surface is given by: 
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a' ( 1 1 - 

R(p, z0) = - I I 1u,ff +  2 + (z0 + 2Zb Peff + I 2  , (2.7) 
4ir[ r1) i r) r2 - 

where 

P = V 
x2 +y2 , (2.8) 

' ri=[(z_zo)2 2 +P ],Y2 ,  (2.9) 

=[(z+zQ+2zfr)2+p] , (2.10) 

and 

a' = 
/(,u + u) 

(2.11) 

The x and y coordinates define the plane of a flat tissue surface located at z = 0 with 

z positive downward (see Fig. 2.2). The model approximates the collimated LDI laser beam 

using a single point located a distance z0 = )/ below the tissue surface (p', = Pa + /1 , isPt 

the reduced attenuation coefficient). The position Zb is an extrapolated boundary located 

along the z-axis where the fluence is forced to zero. It is related to the tissue's diffusion 

coefficient and internal reflection parameter. A more detailed discussion of the model is 

given by Farrell (17). 

2.2.5 Spectroscopy 

Atoms, ions, and molecules are characterized by certain discrete energy states. 

Transitions between these energy states can occur through the absorption or emission of 

photons resulting in electronic, vibrational, or rotational changes to the atoms or molecules 

present. A photon's energy is inversely related to its wavelength. As a result, a fundamental 
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interpretation of the distribution and concentration of species and their respective atomic and 

molecular energy states can be inferred from the interpretation of spectra. 

Owing to the vast spectrum of wavelengths of radiant energy, spectroscopy is a 

generic term encompassing all methods utilizing the interactions between radiant energy and 

matter. Spectroscopic applications in biological systems usually involve the study of 

wavelengths ranging from ultra-violet (UV) to near infrared (NIR). These methods are 

further sub-divided into categories defined by the measurement technique or light source 

used. 

Collimated transmission and absorption spectroscopy 

The absorption spectrophotometer and Beer's law provide a valuable experimental 

and theoretical comparison to newer, more complicated, spectroscopic techniques. 

A typical spectrophotometer set-up is shown in Fig. 2.3. Collimated monochromatic 

light is passed through a cuvette with a solution containing a species of unknown 

concentration. A measurement of attenuation of collimated light passed through the sample 

can be used to determine the concentration of the absorbing species. 

U 
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Integrating 
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Fig. 2.3: Typical set-up for a collimated transmission (absorption spectroscopy) experiment. 
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Beer's law states that the absorbance of a sample is directly proportional to the 

absorbing species: 

A=e[C]d, (2.12) 

where A is the optical density (OD), F, is the extinction coefficient, [C] is the concentration of 

the absorber, and d is the sample thickness. The optical density is defined as 

A = iog iJ , (2.13) 

where To and T are the radiant power before and after transmission through the sample, 

respectively. 

From radiative transport theory, the attenuation of collimated light through a sample 

is given by equation 2.3, which can be rewritten (ignoring specular reflection): 

1n(Q)=/ aL (2.14) 

where L is the optical pathlength, and scattering is negligible. 

By comparing equation 2.14 with 2.12 the absorption coefficient can be expressed in 

terms of the concentration of the absorbing species 

Pa =ln(10)s{C}. (2.15) 

If the absorption coefficient is given in units of cm' and the extinction coefficient is in cm '/M 

then the concentration is given in units of moles per litre (M). 

Absorption spectroscopy and Beer's law continue to be useful tools in quantitative 

chemical analysis. In tissue biology, they can be used to measure the presence of endogenous 

or exogenous molecules, but the procedure is invasive, requiring extraction and digestion of 
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the tissue. Therefore, the real time monitoring of tissue composition, organization, and 

associated metabolic activity is not possible. 

Tissue Spectroscopy 

Tissue spectral characteristics are determined by the species and concentrations of its 

chromophores. For any given tissue, several chromophore populations may be present. As a 

result, the absorption coefficient for a given wavelength is represented as a sum of all the 

contributing chromophores within the tissue: 

p. = (In (1 o)) e, C,, 

where s, and C, are the extinction coefficient and concentration, respectively, for the ith 

chromophore in the tissue. 
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Fig. 2.4: Plot of the extinction coefficients of oxy and deoxy hemoglobin as a function of 
wavelength. 
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In the visible to NIR region of the spectrum one of the most important and dominant 

chromophores in tissue is the heme pigment present in hemoglobin. Hemoglobin is found in 

red blood cells. It can bind to an oxygen molecule giving oxy-hemoglobin (HbO2) or remain 

unbound in the form of deoxy-hemoglobin (Hb). Each state has its own characteristic spectra, 

which can be used to determine the concentrations of oxy- and deoxy- hemoglobin and the 

level of blood oxygenation. The spectra of oxy- and deoxy- hemoglobin can be produced by 

lysing the red blood cells in distilled water to release their Hb contents and using an 

absorption spectrophotometer. These spectra are shown in Fig. 2.4, where the measured 

values for the extinction coefficient of (Hb) and (HbO2) are depicted along the y-axis. 

Wavelengths of particular importance are the ones that might be the most useful for 

determining blood oxygenation. For example, the 810-nm wavelength is near an isobestic 

point. It is a wavelength where the oxy and deoxy hemoglobin spectra cross and is a 

particularly useful wavelength in laser spectroscopy because the absorption by a heme 

molecule does not change with its state of oxygenation. At 633 rim, a significant increase in 

light absorption occurs after arterial occlusion because deoxy-hemoglobin has a higher 

extinction coefficient than oxy-hemoglobin at this wavelength. Therefore, a ratio of light 

reflection or transmission at these two wavelengths can be used to provide a measure of 

tissue oxygenation. 

Spectroscopic in-vitro techniques can collect information pertaining to the structure and 

composition of tissue but, more importantly, in-vivo techniques have shown some success in 

monitoring physiologic and metabolic activity. One method is called blood oximetry. This is 

widely used as a clinical technique for continuously monitoring relative changes in blood 
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oxygenation (36). A similar but slightly more advanced technique called NIR spectroscopy 

monitors changes in blood and tissue oxygenation of an intact organ. This technique has shown 

considerable success in monitoring cerebral ischaemia/hypoxia in the brains of newborn infants 

(10, 44). These techniques are very useful but use a simple, steady-state, single-point reflectance 

or transmission measurement that can provide only relative measurements of blood oxygenation 

levels. To provide an absolute measurement of hemoglobin concentrations and blood/tissue 

oxygenation levels, temporal or spatial profiles of reflectance or transmission are required. 

Although absorption provides the unique spectral characteristics of tissue, scattering 

strongly influences light propagation and remission. This is an essential point in tissue 

spectroscopy distinguishing it from simple absorption spectroscopy. Scattering usually depends 

on tissue structure, where boundaries between mismatching refractive indices of tissue layers 

and components lead to reflective or refractive scattering of light. 

These boundaries are typically the aqueous-lipid membranes surrounding and within 

each cell, or the interface between collagen fibrils and the extracellular-matrix. A tissue's index 

of refraction is related to its water content by the relation: 

n1.53- 0.2W, (2.17) 

where W is the tissue water content and n is the tissue index of refraction (42). Therefore, a 

change in water content and distribution can alter the separation between tissue components and 

change the scattering effects at boundaries between tissue components. 
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2.3 Tissue perfusion 

When laser light interacts with living tissue, a small portion of the photons will 

interact with moving blood cells (see Fig. 2.5). This interaction will result in a Doppler 

shifting of the source wavelength, producing a spectrum of light frequencies. The mixture of 

backscattered light from static tissue elements and from moving blood cells can be measured 

with a photo-detector positioned directly above the tissue surface. If the measurement 

process is one that distinguishes between the frequencies of the measured light components, 

then the output signal that is generated constitutes a tissue perfusion measurement, where 

perfusion is defined as the product of the average velocity, <v>, and concentration, n, of 

moving red blood cells: 

Perfusion =nx(v). (2.18) 

Most laser-tissue interactions involve multiple scattering events. This, and the 

complex structure of tissue, precludes deriving a simple, intuitive relation between the 

spectrum of Doppler shifted frequencies and blood flow. However, an analytical model 

describing the relation between the mean Doppler shifted frequency <co> and tissue perfusion 

was proposed by Bonner and co-workers (3): 

<w>ccnx<v>. (2.19) 

This model presented the theoretical framework needed to design signal-processing components 

that can be used to produce a parameter linearly related to tissue perfusion. 
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Fig. 2.5: Schematic of light interactions with tissue microcirculation. 

2.4 Laser speckle 

When living tissue is illuminated by laser light, reflection off the natural tissue 

irregularities interferes constructively and destructively producing a random interference 

pattern called speckle. The speckle pattern produced by a stationary object remains static in 

time and has a high speckle contrast. However, if the object contains several individual 

scatterers undergoing motion, such as the particles constituting blood, then the phase 

difference between the interfering beams will change in time, producing a dynamic light 

intensity pattern that can be captured using a photo-detection device. 

A typical speckle pattern, observed in the far-field, is shown in Fig. 2.6. This pattern 

was measured using a bare CCD detector positioned 30 cm above an aluminum metal 
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surface, illuminated with a 1 mm collimated laser beam (polarized HeNe laser at 633 mu 

wavelength and 5 mW output power). 

Different points within the region of illumination, and the height variations between 

these points, form interference fringes, resulting in the granular structure observed in a 

speckle pattern. Since height variations on an object surface are random, the properties of 

speckle, such as intensity and average size, can only be described statistically. Due to the 

ergodicity of speckle intensity, these statistical parameters can be obtained from either a 

spatial or temporal distribution of speckle intensity. 

The statistical analysis of speckle is often separated into two fields of study: first 

order and second order statistics (25). Second order speckle statistics deal with the 

autocorrelation function, or power spectrum, of speckle intensity. This analysis is used in the 

signal processing of laser Doppler instrumentation, where the temporal frequency of a 

fluctuating speckle pattern is measured to produce a perfusion estimator. First order speckle 

statistics is an analysis of the probability density function (PDF) of the speckle intensity. It is 

used to describe properties of a speckle intensity pattern, such as the mean and standard 

deviation, and is commonly used in laser speckle imaging techniques (7) 
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Fig. 2.6: Image of speckle produced in the diffraction plane. 

2.4.1 Laser Doppler Instrumentation 

The first commercial biomedical instruments to use the speckle phenomenon as a 

measurement of tissue blood flow utilized fiber-optic probes to deliver and receive light at a 

specific point on a tissue surface. The technique is known as laser Doppler flowmetry, LDF, 

(31, 32). Various probes have been designed to suit specific biomedical applications. The 

most common probes are placed in contact with the tissue surface or inserted into the tissue 

through a hollow needle. Although LDF instruments provide a useful dynamic measurement 

of tissue perfusion, they are limited to measuring only a small fraction of the entire tissue 

microvasculature. Since tissue vasculature is usually heterogeneous in nature, an LDF 



28 

measurement is location sensitive and difficult to reproduce for comparison studies between 

individuals or groups of individuals (20, 38, 39). 

Recently, biomedical laser speckle instrumentation has expanded to include a new 

method for measuring tissue blood flow called laser Doppler perfusion imaging (LDI) ( 16, 

41). In LDI, a collimated laser beam of approximately 1 mm diameter is used to scan several 

points across a tissue surface. Each single laser Doppler measurement point is then used to 

generate a two-dimensional image related to tissue blood flow. These images provide a color-

coded "map" depicting the heterogeneous structure of tissue vasculature and can be used to 

specify regions of tissue, where several pixels can be averaged to generate a perfusion index 

that can overcome the site-specific limitation of single point LDF (6, 20). 

There are currently two companies producing LDI instruments for commercial use: 

the PIM1 .0 LDI instrument (Lisca Development, AB, Linkoping, Sweden) and the moorLDl 

instrument (Moor Instruments Ltd., Devon, England, U. K.). 

A schematic of the PIM1 .0 LDI set-up and instrumentation is given in Fig. 2.7. In this 

arrangement there is no optical component, such as a lens, in the intervening space between 

tissue and detector, and the laser light remitted from the illuminated region falls directly on 

the surface of the LDI photo-detector, producing what is called a far-field speckle pattern. 

The size of the speckles within the pattern is the statistical average of the distance between 

adjacent regions of maximum and minimum of the coherent light projected onto the detector. 

surface and is given by: 

(2.20) 
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where 2 is the wavelength of laser light, D is the beam diameter, and L is the distance from 

the tissue to the surface of the photo-detector ( 15). 
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Fig. 2.7. Schematic diagram of PIM 1.0 LDI optics demonstrating how the collimated laser 
beam projects a far-field speckle pattern onto the photo-detector surface. 

In an LDI measurement, the amplitude of the frequency fluctuation will depend on 

the number of speckles falling on the detector surface, which is equal to the area of the 

photodetector divided by the area of an average speckle: 

= A Detector  

ASpeckle 

(2.21) 

For this particular set-up, the number of speckles on the detector surface will change 

with distance for a fixed beam diameter. Therefore, for a perfusion measurement that is 
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independent of distance, the PIM1 .0 LDI instrumentation uses a slightly divergent beam such 

that the L/D ratio remains constant (41). 

The moorLDl uses a set of intervening lenses and a pair of photodiodes placed at the 

lens focal points (see Fig. 2.8). The speckle size that results from this configuration is given 

by 

(2.22) 

where f is the focal length of the lens and D is the beam diameter. The speckle size is 

independent of the distance between detector and tissue surface, but the area of illumination 

at the detector plane changes with distance, causing distance dependence of the perfusion 

measurement. Therefore, a lookup table, based on empirical measurements using a motility 

standard, must be used for normalizing moorLDl perfusion measurements. 

2.4.2 Second order speckle statistics and laser Doppler signal processing 

In laser Doppler instrumentation, the dynamic speckle pattern is measured using a single 

element photodiode detector, where a fluctuating output current, i(t), is generated that is related 

to the fluctuation in the total light intensity incident upon the detector surface. This photocurrent 

can be expressed as the sum of the current contributions resulting from each speckle cell formed 

within the speckle pattern (2) and can be expressed as: 

N 

1(t) = i1(t) + 
j=I 

(2.23) 

where ij(t) represents the photocurrent generated from the j th speckle cell, N is the total number 

of coherence areas (defined by equation 2.21), and inoise(t) is the total noise generated by the 

measurement. 
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Fig. 2.8. Schematic diagram of moorLDl optics demonstrating how the collimated laser beam 
projects a far-field speckle pattern onto each of the two lenses, which is then focused onto the 
surfaces of the photodiodes. 

The time dependent photocurrent output is a stochastic process and may be described by 

the current autocorrelation function, G(i, t): 

G(i,r) (i(t)i(t + r)) i(t)i(t + r). (2.24) 

It will have a spectral distribution that is related to the velocity distribution of the red blood 

cells within the sampling volume of the illuminated tissue, and the magnitude for each 

frequency component within this spectrum is related to the number density of red blood cells 

contributing to the specific Doppler shift. According to the Wiener-Khintchine theorem, the 
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power spectral density of the photocurrent can be represented as the Fourier transform of the 

current autocorrelation function (26): 

2,r 
(2.25) 

Using the power spectral density as the probability distribution of the Doppler shifted 

frequencies the perfusion estimator can be represented as: 

OD 

fcoP(co)dw 
Perfusion cc  

JP(co)dcv 
(2.26) 

where equation 2.19, relating the mean frequency of the spectral distribution to tissue 

perfusion was used. 

The quantity in the denominator normalizes the probability distribution and is simply 

the total photocurrent, or total light intensity, measured by the detector. Since the power 

spectrum in a perfusion measurement is dominated by the DC signal, this can be used in 

analog circuitry as a substitute for total light intensity. 

The perfusion formula presented in equation 2.26 can be realized in a practical 

measurement by using analog components for processing the photocurrent output signal. A 

typical laser Doppler measurement process is depicted in the block diagram of Fig. 2.9. In 

the first stage, the photodiode current is separated into its alternating (AC) and direct current 

(DC) components using high pass and low pass filters. The alternating current is then 

normalized with the DC component using a divider, which is then fed through an co-

weighting, band-pass filter operating within a bandwidth of co and 02. After filtering, the 
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signal is squared and integrated and an output, representing the perfusion estimator is 

produced. 
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Fig. 2.9: Diagram depicting laser Doppler signal processing steps 

2.4.3 Laser speckle instrumentation 

If the entire tissue is illuminated with an expanding laser beam and a lens is 

positioned such that the detector is located at the focal plane of the measurement, then the 

speckle pattern that is observed is called image speckle. This is because the lens actually 

images the fully illuminated scattering surface, giving rise to the speckle, where the speckle 

pattern and object image are superimposed upon one another in the image plane. 

The speckle size in an imaging geometry is given by: 

ol.2(l+M)AF, (2.27) 

where M is the magnification of the imaging lens, X is the wavelength of the laser light, and 

F is the camera F-stop number (15). The geometry for this speckle measurement is shown in 

Fig. 2.10. 
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Fig. 2.10: Schematic diagram of LS  optics depicting the use of full field illumination and an 
imaging lens to project an image-speckle pattern onto the CCD detector surface. 

For measurements of tissue blood flow, the microcirculation can be treated as a 

changing surface, producing a dynamic speckle pattern. When this dynamic speckle 

structure is captured using an imaging detector with a finite integration time, the detector will 

integrate several changing interference patterns, and the final, integrated image will contain a 

decorrelated or "blurred" pattern. The extent of decorrelation will depend on the speed and 

volume of blood flowing within the tissue. In this way, the decorrelation of a speckle pattern 

can be used to provide a perfusion measurement. 
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2.4.4 First order speckle statistics 

This section closely follows the work presented by Goodman (Goodman, 1984). It is 

a review of first order speckle statistics and is provided as a means to characterize many of 

the diverse speckle patterns observed in laser Doppler and laser speckle measurement. It also 

provides a non-rigorous derivation, relating first order speckle characteristics to tissue 

perfusion. 

Whether an observed speckle pattern arises from imaging or free space propagation, 

the amplitude of the electric field at any point in the observation plane will consist of 

contributions from different source regions of the illuminated tissue surface. These 

contributions are represented as elementary phasors that are: 1) statistically independent, 2) 

have a uniform distribution of phase, and 3) obey Gaussian statistics (with uncorrelated real 

and imaginary components having a zero mean and identical variances). 

Through a statistical analysis of these electric field components, a derivation of the 

probability distribution function (PDF) of speckle intensity variations, P(I), measured in the 

observation plane can be obtained: 

I, 

P(I)=exp - I 

(I) 
(2.28) 

where P(I) is the probability that a speckle has a brightness between the values of I and (I + 

dl), and (I) is the mean intensity. This probability distribution is shown in Fig. 2.11 and is 

representative of a "fully" developed speckle pattern. 
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Fig. 2.11: Probability distribution for a fully developed speckle pattern. 

There are two important characteristics of a fully developed speckle pattern: 1) it can 

be shown that the standard deviation is equal to the mean, and 2) it is a negative exponential 

distribution, with a more probable occurrence for dark speckles than bright ones. 

It is difficult to achieve an experimental measurement of a fully developed speckle 

pattern. In most cases, the measured pattern is a sum of two or more individual polarized 

speckle patterns. This results in a PDF quite different from that of an ideal pattern. Fig. 2.12 

shows two measured PDFs that were generated by analyzing the pixels within a CCD 

captured image of a far-field speckle pattern. The observed patterns were produced by 

illuminating the side of a diffuse cylindrical object, positioned at the center of a rotating 
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turntable. Images of the object while it was stationary (0 rpm) and rapidly rotating (33 rpm) 

were captured. 

2.4.5 Combined speckle patterns 

Most laser speckle or laser Doppler imaging measurements consist of a combination 

of two or more speckle patterns. Such combinations include: 1) a coherent uniform field 

combined with speckle, 2) an incoherent combination of a uniform background with speckle, 

and 3) an incoherent combination of N equal independent speckle patterns. 
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Fig. 2.12: Measured pixel histograms for speckle images from a diffuse cylinder: 1) 
stationary, and 2) rotating at 33 rpm. 

Coherent combination of a uniform field with speckle 

Some tissues can be very smooth having a surface roughness less than one 

wavelength. The light field at the diffraction plane produced by these tissues will have a non-

vanishing specular component superimposed over a fluctuating diffuse component. In this 
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way, the specular reflection may be considered a coherent uniform field combining with the 

speckle pattern produced by the diffuse component. The PDF for this intensity distribution is 

given by: 

1  exp1 I+Is)IO12 [ii:\ 
(ID ) (ID)) (i 

(2.29) 

where ID is the diffuse component, Is, is the specular reflection component, and Io is a 

modified Bessel function of first kind, zero order. Plots of the PDF for speckle intensity of 

various ratios of specular reflection to diffuse reflection are given in Fig. 2.13, 

Fig. 2.13: Probability distributions for a speckle pattern combined with specular reflection. 
Various levels of specular reflection are considered and represented by the ratio of specular 
reflection over speckle intensity, r. 
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Incoherent combination of a uniform field with speckle 

In some cases, a laser Doppler or laser speckle measurement may be performed under 

some level of incoherent background lighting. In these cases, an incoherent uniform field will 

be added to the speckle pattern. An incoherent background field will have a PDF function 

defined by a delta function and the resulting intensity will be a convolution of the delta 

function with the PDF function of the speckle. Thus, the PDF of the combined intensity field 

is the same PDF defined in equation 2.28 and presented in Fig. 2,11, but the peak value will 

be shifted along the intensity axis by an amount that is determined by the level of the 

background intensity. 

Incoherent combination of N equal independent speckle fields 

In many experiments intensity measured at a single point in space may be attributed 

to the sum of two or more speckle patterns. For example, light sources may be randomly 

polarized, rough surfaces caii partially depolarize scattered light, and some sources may 

contain several optical frequencies. 

For N equal speckle patterns of mean intensity ('i) = ('2) = (J) = (I), the PDF 

is given by: 

I N-1 ( j 
- 

WXI)" expi - (I)  
(2.30) 

where ]T(N) is the gamma function. 

Blurred speckle patterns and the gamma approximation 

The various combinations of patterns considered above represent ideal stationary 

patterns measured in an infinitesimal time period. In real measurement situations, a finite 
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amount of integration time is required, where a speckle measurement involving living tissue 

is dynamic, due to bio-activity (33, 45) or moving red blood cells. 

The PDF from the combination of N equal speckle patterns can be used as an 

approximation to describe the integrated measurement of a dynamic speckle pattern. This is 

known as the gamma approximation and the resulting PDF is called the gamma distribution. 

In theoretical discussions, intensity is represented as a parameter with specific space 

and time coordinates. However, measured intensity requires a finite aperture, where aperture 

is used as a general term to describe a measurement window in both space and time. For 

example, a measurement of intensity requires a finite integration time, T, and a detector 

element of finite size, and the differences between statistical intensity and "true" measured 

intensity must be considered. 

For a measurement with an aperture size, Sm, that is much greater than the size of a 

single speckle cell, S0, a parameter M can be defined, such that: 

M 
Sc 

(2.31) 

where M can be interpreted as the number of speckle correlation cells counted, within a 

measurement aperture. 

In laser Doppler measurements, the parameter M is simply the number of speckle 

cells projected onto the surface of the photo-diode, and is defined by equation 2.21. For a 

time-integrated measurement of speckle, equation 2.30 can be written as: 

(2.32) 
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where T is the integration time of the measurement and t is the correlation time of the 

fluctuating intensity. 

The correlation time is a parameter of second order speckle statistics and is a time 

scale used to describe the decay of the intensity autocorrelation function. In a theoretical 

analysis of laser Doppler interactions, Bonner and co-workers have shown how correlation 

time is inversely related to the mean velocity, v, of the red blood cells (3): 

3.5 
- , 

(v) 
(2.33) 

where the correlation time and velocity, v, are in units of seconds and trn1s, respectively. 

(Bonner's original equation has been simplified by assuming a red blood cell radius of 2.8 tm). 

The parameter M can be used to approximate the measurement of a dynamic speckle 

pattern to the static measurement of N equal and independent speckle patterns, with the 

following assumptions: 

1) The integration time can be quantized into, N, equal intervals of time, 

where each time interval consists of a static representation of the dynamic 

speckle pattern for that specific moment. 

2) The mean intensities measured at each quantized time interval, (ia), are 

equal and are related to the mean of the measured, finite intensity, (I), by 

the following relation: 

(2.34) 
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3) The quantized intensities are statistically independent, and the number, N, 

of quantized speckle patterns is approximately equal to the number of 

speckle correlation cells counted within the finite time of the measurement: 

NM. (2.35) 

Based on these approximations, equations 2.34 and 2.35 can be substituted into 

equation 2.30, and the PDF of integrated speckle can be written using the parameter M: 

P(I) = 
1MIM_1 

 exp 
r('i) (I)) 

(2.36) 

This particular PDF is called the gamma density function. 

Plots of the PDF for various values of M are given in Fig. 2.14. Notice how the two 

PDFs with values of (M = 3) and (M 150) have similar structures to the measured PDFs of 

the stationary and rapidly rotating plastic cylinder presented in Fig. 2.12. This is to be 

expected, since, from equations 2.32 and 2.33, the parameter M is directly related to the 

angular velocity of the rotating cylinder. 

The theoretical and experimental distributions presented in Figs. 2.12 and 2.14, 

indicate that as the object velocity, and the associated parameter, M, increases, the PDF of 

the speckle intensity changes in a way that reduces the standard deviation of the distribution, 

while maintaining a fairly constant mean. 
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Fig. 2.14: Gamma distributions for various values of M. 

This is, in fact, the case, where it can be shown that M is related to the measured signal-to-

noise ratio (25), such that: 

\2 

Ia-i =M. 
N)rms 

(2.37) 

The signal-to-noise ratio of speckle is defined as the ratio of the mean and standard deviation 

of the measured intensity: 

(s = 4(I) 

N)rms O 

(2.38) 
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Thus, by inserting equation 2.33 into equation 2.38, a relation between the measurable 

quantities of the first order statistics of a speckle pattern and the velocity of red blood cells is 

given: 

((J)2 (v)T 

\ O) 3.5 • 
(2.39) 

Technically, equation 2.37 does not represent a perfusion relation because the above 

derivations did not take into consideration the concentration of moving red blood cells, n. 

However, it may be argued that the dynamic speckle pattern, considered in the above 

equations, was produced for a specific concentration of moving red blood cells. If this 

concentration were doubled, then a doubling of the captured speckle patterns within the finite 

integration time would have to occur. In this way, the left hand side of equation 2.39 must 

also be related to the concentration of red blood cells and the following perfusion equation 

results: 

f(IY.2 
— I nxv. (2.40) 



45 

CHAPTER 3 

INSTRUMENTATION 

3.1 PIM1.O LDI instrumentation 

A diagram of the commercial PIM1.O instrument used in this study is shown in Fig. 3.1. 

It is a laser Doppler perfusion imaging technique using a single laser diode source of 635 nm 

wavelength and 1 mW nominal power. Images are generated using a scanning technique, where 

two mirrors, mounted on stepping motors, scan a laser beam across the tissue surface. The 

maximum scan size is 64 x 64 measurement points covering an area of 12 x 12 cm2 when the 

instrument head is at a height of 20 cm above the scanning site. The beam is made slightly 

divergent to cancel out a distance effect on the signal inherent to LDI (41). As each new 

measurement point is reached, the motors are stopped and a time period of 50 ms is allowed for 

settling time of the 'artefactual' Doppler components caused by movement of the beam relative 

to the stationary tissue. A bare photodiode is housed within the instrument head, where photons 

within its field of view are captured and processed. Ten measurements are made and averaged 

within the next 10 ms giving a total time of 60 ms per measurement point. It takes 

approximately 4 min for the maximal scan of 64 x 64 data points. The measured signal is 

processed with a frequency-weighting filter and normalized with the total reflected light using 

analog components. The bandwidth of the analog processor is hardware fixed at 20 Hz - 12 kHz. 

The final value is converted to digital using a 12 bit A-D converter. The output is stored as an 

image file and displayed on a computer screen with 6 color-coded voltage levels representing 

perfusion readings ranging from 0.0 to 10.0 v. 
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Fig. 3.1: Schematic diagram of PIM1 .0 LDI instrumentation and measurement process. 

3.2 Moor LDI instrumentation 

The moorLDl is shown in Fig. 3.2. It is a laser Doppler perfusion imaging technique 

with a dual wavelength capability. It has a HeNe laser source of 633 nm and 2 mW nominal 

power and a diode laser source of 830 nm and approximately 1 mW nominal power. One large 

mirror (10 cm) rotating about two axes implements a continuous scanning motion of the laser 

beam across the tissue surface. Light returning from the tissue surface is focused onto two 

photodiodes. The laser beam is collimated, and distance effects on the signal are normalized out 

in the software using a lookup table. This imager can scan up to a maximum of 256 x 256 scan 

points and under normal resolution covers an area of 12.5 x 12.5 cm2 (large scan mode 25 x 25 

cm2) when the tissue is at a distance of 50 cm from the main scanning mirror. The time period 

of measurement points are software controlled with intervals of 4, 10, and 50 ms. At the fastest 

scanning speed (4 ms/pixel) it takes just over 4 min for the maximum scan of 256 x 256 points. 

At each measurement point the signal is processed using a frequency-weighted filter. The signal 
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processor bandwidth is software controlled with lower cut-off frequencies of 20, 100, and 250 

Hz and upper cut-off frequencies of 3.1, 14.9, and 22.4 kHz. Normalization of the signal with 

respect to the total reflected light is done after digitizing total reflected and Doppler shifted light 

using an 8 bit A-D converter. The moorLDl has 8 selectable gain levels for amplification of 

non-Doppler shifted reflected light (dc gain) and Doppler shifted reflected light (flux gain). The 

output is stored as a flux image file and a dc photo image file. Flux is displayed on a computer 

screen with 16 color-coded voltage levels representing perfusion readings ranging from 0 - 255 

perfusion units. The photo image is displayed in 256 grey levels. 

LI LI UIJU I_lULl 

Fig. 3.2: Schematic diagram of moorLDl instrumentationand measurement process. 
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3.3 Tissue spectroscopy 

3.3.1 Operating principle 

The multiple wavelength laser tissue spectroscopy instrument is a data collection and 

analysis system that processes and displays information on tissue optical and optically 

measured physiological properties. The instrument performs a spatially resolved diffuse 

reflectance measurement based on modifications to a previous technique ( 17). Modifications 

and enhancements to the original design include: 1) use of multiple wavelength LDI, laser 

sources, 2) a remote method for light collection, and 3) addition of a spectroscopic method to 

generate physiological parameters. 

3.3.2 Fiber optic design 

The block diagram of the fiber optic diffuse reflectance instrumentation and 

technique is shown in Fig. 3.3. Multiple wavelength laser sources (543, 633, 780, 810 nm 

with output power of 2 - 5 mW) are used, and tissue illumination and light collection are 

achieved using a probe containing two 600 tm hard-core silica fiber optic cables with a 

numerical aperture of 0.39 NA. Within the probe, the position of the source fiber is held 

fixed, while the receiving fiber is positioned on a miniature translational stage. The probe is 

placed in contact with and normal to the tissue surface using an armature system capable of 

translational and rotational motion. Several measurements of light intensity are made during 

a translational movement of the collection fiber, producing a radial profile of diffuse 

reflectance across the tissue surface. Intensity is measured using a power meter (Melles 

Griote 13 PDC 001 Universal Power Meter) with silicon photo diode directly coupled to the 

detection fiber. After completion of a diffuse reflectance measurement, profile numbers are 
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used as input parameters to a specially designed C program. The program runs several 

iterations of optical properties to generate modeled reflectance profiles based on equation 

2.7. Modeled profiles are compared to measured profiles using a least-squared curve fitting 

procedure until the best estimate of the absorption and reduced scattering coefficient for each 

wavelength are generated. This requires a processing time of roughly 10 s. Program output 

produces absorption and reduced scattering coefficients and effective penetration depths for 

each wavelength. The root mean square of the difference between the logarithm of the measured 

data and the modeled data, a, is also produced to provide an estimate for the confidence level of 

the measurement. For spectroscopy measurements, a second program is used that contains 

tabulated values of the extinction coefficients for oxy and deoxy-hemoglobin at the specific 

LDI wavelengths. An input file containing the absorption coefficients, calculated using the 

diffuse reflectance program, is used along with equation 2.16 to generate output values of 

tissue oxy- and deoxy-hemoglobin concentrations, oxygenation level, and percent 

vascularization. 
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Fig. 3.3: Tissue spectroscopy instrumentation with fiber optic probe. 

3.3.3 Remote instrument 

A schematic of the remote diffuse reflectance instrumentation and technique is shown in 

Fig. 3.4. This method uses the same laser sources as the fiber optic instrumentation, but light 

intensity profiles are produced by capturing and digitizing images of laser illuminated tissue 

using a video lens, CCD camera, and frame grabber card. To improve the signal-to-noise ratio 

of the measurement, an average of 15 captured images is used. Light levels are controlled using 

a camera with variable aperture lens and CCD exposure setting. Averaged, diffuse reflectance 

images are analyzed using image-processing software to generate radial profiles of light 

intensity. These "line" profiles are used to generate the optical and optically measured 

physiological properties, using the same programs as the fiber optic probe design. 
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Fig. 3.4: Remote tissue spectroscopy instrumentation and technique. 

3.4 Laser speckle perfusion imaging (LSI) 

3.4.1 Operating principle 

The laser speckle perfusion imager is an image capture and analysis system that 

digitally processes and displays color coded images of tissue perfusion. Two different 

imaging systems have been designed. The first LSI system performs a remote measurement 

that is similar to an LDI set-up and the two methods are easily compared. The second LSI 

uses an endoscopic design that is an entirely new application for an optical perfusion 

measurement and, thus, cannot be compared with any current LDI technique. Both the 

remote and endoscopic systems use the same method of image-capture and processing for 

generating and displaying 16 level, color-coded images of tissue blood flow. 
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3.4.2 Remote LSI instrument design 

Fig. 3.5 shows a design schematic for the remote LSI instrumentation. A photograph 

of the instrument is shown in Fig. 3.6. The instrument consists of a polarized, single mode 

laser source coupled to a single mode, polarization maintaining fiber optic cable of 635 nm 

and 14 mW optical power output. The fiber optic cable is connected to the instrument head, 

which is positioned 20-30 cm directly above the object to be measured. The laser beam exits 

the fibei optic cable and is made to diverge for a uniform and simultaneous illumination of 

the entire region of interest. The instrument head also contains a black and white CCD 

camera with a close-focus imaging zoom lens. Blood flow image resolution is the same as the 

camera resolution, which uses a 768 x 494 pixel CCD array with 8.4 x 9.8 j.tm cell size. 

Focusing of the lens is adjusted until the region of interest fills the camera field of view. The 

lens F-stop is adjusted until the speckle size is of the order of one pixel size (see equation 

2.27). A polarization filter is attached to the camera lens with polarization axis crossed to the 

polarized laser source to minimize specular reflection artefact in the blood flow 

measurement. Camera integration time is adjustable and influences the blood flow range of 

the linear response region (see equation 2.39). In these experiments exposure time was set at 

1/60 and 1/500 s. The instrument head is placed on the end of a two-jointed articulating arm 

for manoeuvring over the object of interest. LSI camera output is split with one channel fed 

directly to a live monitor for continuous video of the laser-illuminated tissue (top monitor in 

Fig. 3.6) and a second channel connected to a computer for simultaneous capture and 

digitization of speckle images. Digital images are processed to produce a color-coded map 

displaying regions of tissue blood flow (bottom monitor in Fig. 3.6). The live video feed is 
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used to assist in positioning the instrument over the tissue of interest and to provide the 

operator with an anatomical image for locating perfusion regions within the captured blood 

flow images. For comparison with LDI images, the LSI instrument software was designed to 

use the same 16 level color palette used by the moorLDl instrument. LSI images are analyzed 

using custom designed software. 
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Fig. 3.5: Block diagram of remote LSI instrumentation. 
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Fig. 3.6: Photograph of the remote LSI instrumentation. 

3.4.3 Endoscopic LSI instrument design 

A schematic diagram of the endoscopic LSI system and technique is shown in Fig. 

3.7. The endoscopic system uses many of the key components used for remote LSI but the 

video lens is replaced with a custom designed optical adaptor for integrating a standard 

endoscopic unit (Linvatec, Mississauga, Ontario) to the LSI camera. The adaptor contains an 
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adjustable optical lens system for focus and field of view adjustments with a C-mount and 

eyepiece connector on either end (see Fig. 3.8). 
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Fig. 3.7: Block diagram of endoscopic LSI instrumentation. 

It is preferable to maintain the integrity of the endoscopic procedure while performing 

an LSI measurement. Therefore, the endoscope's internal light guide, normally used for 

standard illumination of the body cavity, was used for laser light delivery and full field 

illumination. A special FC-to-endoscope connector was designed for integrating the single 

mode fiber to the entrance port of the endoscope light guide. This method of light delivery is 
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shown in Fig. 3.8. A photograph of the endoscope using the internal light guide is given in 

Fig. 3.10. 

Multimode effects produced using the internal light guide were investigated using an 

external fiber optic probe with single mode light delivery. This method of light delivery is 

shown in Fig. 3.9. 
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Fig. 3.8: Block diagram of endoscope with internal light guide delivery of laser light to 
tissue. 
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Fig. 3.9: Block diagram of endoscope with external light probe delivery of laser light to 
tissue. 
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Fig. 3.10: Picture of endoscopic LSI with fiber optic connection to the internal light guide. 

3.4.4 Image processing 

The LSI instrumentation uses a custom designed, speckle reduction and comparison 

algorithm to provide a measurement of tissue perfusion. This algorithm is based on the first 

order speckle analysis theory presented in the background section, but the algorithm concept is 

really quite simple: 1) movement by red blood cells within the microcirculation decorrelates the 

speckle pattern within a captured tissue image, 2) the degree of decorrelation is related to the 

level of tissue perfusion, and 3) a measure of the degree of speckle decorrelation within a 

captured image provides a measurement of tissue perfusion. 
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The basic algorithm steps are as follows: 

1) A series of images is captured of the laser-illuminated tissue; representing the 

correlation within the speckle pattern. 

2) A speckle reduction algorithm is applied to the speckle images. 

3) The speckle-reduced image is used as a reference to quantify the level of speckle 

decorrelation within the captured speckle images. 

4) Based on a statistical analysis of the differences between the speckle images and the 

reference image, a perfusion image is generated. 

The speckle images captured using the LSI systems are composed of measured 

intensities I(x,y), where x and y represent the location of the pixel containing intensity, I. The 

resolution of the image is determined by the number of rows and columns on the CCD and a 

typical high resolution, video image contains 480 rows and 640 columns, although higher 

resolution cameras are available. 

The speckle pattern within an image can be reduced using an image smoothing 

operation that involves spatial and temporal averaging of image pixels: 

1 N 

' REF (XI Y)   
N=I 

x+i y+j 1 
(21+ l)(X2J + 1) 'SP,N (x,y)"], (3.1) 

x-i 

where Ipjjp (x,y) represents the intensity of the (x,y) pixel in the speckle reduced image (or 

reference image) and 'SP,N (x,y) represents the intensity of the (x,y) pixel in the IV' speckle 

image of laser-illuminated tissue for a captured sequence of NMAX images. i. and j represent 

the boundaries for a chosen region of pixels surrounding the (x,y) pixel. 
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For proper spatial smoothing of the speckle structure, the size of the boundary region, 

determined by the values i and j, should be several times larger than the speckle size. For 

temporal smoothing, the object must be dynamic, containing moving particles that 

decorrelate the speckle structure within a time scale that is several times smaller than the 

combined exposure time of the capture sequence. Normal tissue bioactivity and blood flow 

both contribute to the temporal decorrelation of speckle; thus, even avascular areas of tissue 

will exhibit speckle reduction under temporal smoothing if a sufficient combined integration 

time is used. 

Blood flow is quantified by examining the intensity fluctuations in the spatial and 

temporal speckle patterns of the captured images. This is done by performing a normalized 

sum of difference calculation on the pixels in the captured speckle images ISp,N and the 

corresponding pixels in the generated reference image, 

'SD (x, ' 1 REF (x, y) [YI I5p (x, y) - 'REF (x, Y)IJ]. (3.2) 
x-! (Y' y-J 

Higher (lower) blood flow will result in a smaller (larger) value for 'SD (x,y). For 

example, when blood flow is negligible a sharp speckle contrast is observed and a large 

difference will be measured between the speckle and reference image. When the blood flow 

reaches the maximal value measurable for the chosen camera integration time, the speckle 

image will become completely decorrelated, and the sum of the differences between the 

pixels in the captured speckle image and the speckle reduced reference image will approach 

zero. Therefore, the blood flow index has an inverse relation to the normalized sum of 



61 

difference value, 'SD (x,y). Based on this inverse relation, the blood flow index is represented 

by the following equation: 

M.\' / \ (_ C 

IBF(X,Y) = ACI  1 1 , (3.3) 
C=O 11s (xy)) 

where IBF (x,y) represents the intensity of the (x,y) pixel in the blood flow image, C represents 

the order of terms in the power series of highest order CMAX of the independent variable 'SD 

(x,y), and Ac is the constant coefficient for each term. 

The number of terms in the series and the constant coefficients for these terms can be 

determined empirically to ensure the best possible linear relation between the blood flow 

index and true tissue blood flow. The zero order term is used to remove an inherent 

instrument offset and the first order term is related to the signal to noise ratio for first order 

laser speckle statistics, which is related to camera integration time and tissue perfusion 

(equations 2.39 and 2.40). 

The instrument is designed to be versatile and permits several modes for generating 

blood flow images. These modes are determined by the value assigned to the software 

parameters that represent the independent variables i, j, and NMAX in equations 3.1 and 3.2. 

In this study, two specific instrument modes were used for capturing blood flow 

images: spatial analysis and temporal analysis. For the temporal analysis mode, blood flow 

images were generated from a captured sequence of 20 speckle images (NMAX = 20), and a 

strict temporal analysis was performed on the speckle images, with i and j both set to zero. 
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This mode required a total capture time 0.33 s and a processing time of 5 s but produced 

blood flow images at the highest possible detail. 

For the spatial analysis mode, blood flow images were generated from a single, 

captured speckle image (NMAX = 1), and a strict spatial analysis was performed on the speckle 

images, with i and j both set to three. This mode was used for two integration times that 

determined the total exposure time of the blood flow measurement (T = 1/60 and T = 1/500 

seconds). The spatial analysis mode required a processing time of only 0.5 seconds, which 

provided the maximal real-time LSI blood flow video frame rate. This could be used to 

observe high frequency blood flow fluctuations within the tissue of interest. 

To improve the image quality and reduce noise, all of the above modes can be set to 

run in an averaging mode. This method can also be used to average out unwanted pulsatile 

frequencies that may be present in the flow if measurement of only low frequency blood flow 

change is desired. The average calculation is given by: 

n"Lv 

'BF,AVERAGE (XI Y) = (3.4) 

where 'BIn (x,y) represents the intensity of the (x,y) pixel in the W h blood flow image for a 

sequence of nm.4x blood flow images. For this study, averaging of 20 blood flow images was 

investigated for LSI images captured using the spatial analysis mode. 
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CHAPTER 4 

MATERIALS AND METHODS 

4.1 In vivo assessment of two LDI techniques (rabbit MCL) 

Experiments were performed on 9 female, 1 year old, New Zealand White rabbits (4-5 

kg). Normal and knee-injured rabbits were used. Knee injuries consisted of surgical transection 

of the intra-articular anterior cruciate ligament (ACL) under anesthesia, according to a 

standardized protocol (11). Of the 9 rabbits tested, 7 had injuries induced to their right ACL and 

2 were not injured. In cases of injury, different periods of healing were allowed: 2 rabbits were 

given a 3-d healing period, 2 a 2-wk period, and 3 a 4-wk period. It has previously been shown, 

through the use of colored microspheres ( 11) and more recently confirmed by single wavelength 

LDI (6), that ACL transection in this model of knee injury results in an increased blood flow in 

the medial collateral ligament (MCL) of the same knee (ipsilateral MCL). 

LDI measurements were made in the exposed medial collateral ligament (MCL) at 3 d, 2 

wk, and 4 wk after ACL transection. All LDI measurements for the red and NIR wavelengths of 

the PIM1 .0 and moorLDl were obtained sequentially from exposed MCLs. 

Both scanner heads were placed at approximately 15 cm above the exposed ligament. 

The remaining background of the preparation was masked with black velvet cloth to ensure a 

zero background noise at the anatomic margins of the MCL. The PIM1.0 format was set at 50 x 

50 pixels and high resolution so that the MCL occupied typically 30 x 10 pixels, which were 

scanned in approximately 30 s. The moorLDl format was set at normal resolution so that the 

MCL occupied typically 60 x 20 pixels and was scanned in roughly 5-10 s. The moorLDl 
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scanning speed was set at 4 ms per pixel, which gave a corresponding frequency bandwidth of 

250 Hz- 15 kHz. 

4.1.2 Calculations and statistical analysis. 

Correlation and linear regression analysis were made on the mean and standard 

deviation data sets of different wavelengths and imagers. Since the desired information centred 

on the strength of each wavelength or imager's ability linearly to represent blood flow, 

significance tests were performed on the slopes alone, ignoring the y-intercepts since these 

would only reflect each instrument's inherent, characteristic offset (6). 

PIM1 .0 images were analyzed using VIEW software (Moor Instruments Ltd., Devon, 

England, U.K.). MoorLDI images were analyzed using MLDIV1.1R image analysis software 

(Moor Instruments Ltd., Devon, England, U.K.). The mean perfusion reading of the image was 

taken to represent the average blood flow to the ligament. Standard deviation of perfusion 

images was also used to represent the heterogeneity of the ligament blood flow for imager and 

wavelength comparisons. The mean and standard deviation of LDI output from the PIM1.0 and 

moorLDl were then compared. The slope of all plots was determined using linear regression 

calculations. The significance of the slope was evaluated using an unpaired student t - test. 

Controlled for type II error by adjusting the P-value. 

4.2 Clinical assessment of two LDI techniques (burn scars) 

4.2.1 Patients and Clinical Assessment 

A population cross-section of 22 adult burn patients was selected for the study. 

Patients ranged in age from 19-66 years and included male and female smokers and non-

smokers of different ethnic origin. The time since bum injury was 1-6 mo for 6 patients, 7-23 
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mo for 9 patients, and 2-8 yr for 7 patients. The study design was approved by the Office of 

Medical Bioethics at the University of Calgary. 

Burn scars were clinically assessed for colour and elevation immediately before laser 

Doppler imaging, and graded according to the following scales (Vancouver Burn Scar). 

Colour. 0: normal pigmentation; 1: slightly pink; 2: pink/red; 3: red/purple. 

Scar height. 0: level with surrounding skin; 1: 1-2 mm elevation; 2: 3-5 mm elevation; 3: 

greater than 5 mm elevation. 

Ratings for colour and scar height were added to give a single clinical score for the 

scar (maximum 6). 

4.2.2 Laser Doppler Imaging of Scars 

Areas of burn scar were selected that were unaffected by breathing movements. The 

scan area was set to a maximal size that did not include any normal skin, and the surrounding 

area was occluded with black cloth. The region was scanned twice, each with the Lisca 

PIM1.O imager, and the Moor LDI in red and NIR modes. 

An analysis region was determined for each exposed burn scar, where the average 

perfusion index and standard deviation were calculated for all relevant image pixels. The 

average perfusion index was chosen to represent average blood flow to the burn scar, where 

spatial averaging of several image points provided an improvement over a single point laser 

Doppler measurement site. The standard deviation was used to provide a quantitative index 

for determining the heterogeneity of the burn wound vasculature. 

When possible, corresponding contralateral regions of unburned skin were scanned to 

assess the efficiency of using a baseline perfusion index for normalizing average burn 
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perfusion indices. If a contralateral area of control skin was not available, a region of skin on 

the dorsal aspect of the shoulder was used. 

To evaluate instrument performance, average perfusion indices and standard 

deviations for all wavelengths and scanning techniques were compared using a linear least 

squared analysis. Average perfusion indices were also compared with the Vancouver Bum 

Scar grading. 

For instrument and wavelength comparisons, data obtained from both burn and 

contralateral scans were used. After analysis, 10 images were, found to have saturation in 

greater than 10 percent of the total number of pixels in the total reflected light or perfusion 

images and were discarded as these gave an erroneously higher or lower perfusion index, 

respectively. 

4.3 Pilot study of tissue spectroscopy instrumentation 

Before tissue spectroscopy measurements were performed with LDI surgeries, the 

instrumentation was evaluated using the following series of experiments: 

1) The instrument software that is used for generating optical properties from diffuse 

reflectance profiles was evaluated with computer simulations of diffuse 

reflectance from simulated tissue with known optical properties. 

2) The technique and instrumentation were evaluated by measuring the optical 

properties of tissue phantoms that were previously calibrated using collimated 

spectroscopy measurements. 
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3) Procedures were established for the measurement of rabbit articular tissue using 

fresh, in-vitro tissue samples. 

4) In-vivo procedures were established by evaluating the instrument for the 

measurement of oxygenated and de-oxygenated human skin. 

4.3.1 Monte Carlo simulations of light-tissue interaction 

A Monte Carlo model was used to evaluate the performance of the diffusion model 

algorithm used by the spectroscopy instrument. The Monte Carlo program is written in C and 

is based on a code, previously designed for modeling multi-layered tissues (40). The simulation 

modeled tissue with a scattering coefficient of 10.0 mm', an absorption coefficient of 0.01 

mnf', an index of refraction of n = 1.4, and a scattering phase function of g = 0.9. A 

collimated laser source, irradiating the tissue surface, was modeled by launching one million 

photons from an infinitesimal source point located immediately above the tissue surface. At the 

end of the simulation, profiles of diffuse reflectance across the tissue surface were generated. 

These profiles were then used as input to the program used by the tissue spectroscopy 

instrument for producing optical coefficients. Generated optical coefficients were compared 

with the optical coefficients used by the Monte Carlo simulation. Several profile ranges were 

investigated to determine the range of radial distances where the diffusion model gives 

acceptable results. For each distance range, intensities were normalized at the point closest to 

the source. 

The accuracy of the diffusion model was evaluated through a determination of: 1) the 

percent difference between the optical coefficients generated by the diffusion model and the 

"true" Monte Carlo optical coefficients, and 2) the "goodness" of the fit, a, which was 
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represented by the root mean square of the difference between the logarithm of the data 

points for the Monte Carlo generated and the matched diffusion algorithm reflectance 

profiles. 

4.3.2 Calibration of tissue phantom mixtures 

The diffuse reflectance instrumentation was tested on three tissue simulating phantoms 

containing three different mixtures of absorption and scattering components. For the absorption 

component, methylene blue (90% dye content; Fischer Scientific Company, Fair Lawn, New 

Jersey) was used and concentrations were based on a solution of 0.3 g dissolved in 300 ml of 

distilled water. It was considered a perfect absorber for 543 and 633 nm wavelengths but results 

from the collimated transmission experiments demonstrated it to have a poor absorption at NIR 

wavelengths. Intralipid (10 % stock solution; Pharmacia Inc., Mississauga Ontario) was used as 

a scattering component, where its contribution to absorption was assumed to be negligible. 

These concentrations were determined from a 10 % stock solution. 

The collimated transmission set-up was based on the optical arrangement for a normal 

absorption spectrophotometer. It consisted of a 1.22 cm thick cuvette containing samples of 

varying concentrations of absorbers and scatterers in solution. Collimated laser-light, at various 

wavelengths, was transmitted through the center of the cuvette. The transmitted light was then 

passed through a pinhole aperture (1.1 mm diameter) to eliminate scattered photons from being 

detected. The spatially filtered light was then detected using an integrating sphere and 

photodiode (see Fig. 2.3). Intensity measurements were normalized for each wavelength to light 

transmission through a reference sample containing distilled water. 
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For measurements of collimated, un-scattered light the attenuation coefficient can be 

calculated from Beer's law (equation 2.3), which can be re-written (ignoring specular 

reflection): 

(4.1) 
t (L 

where e is the extinction coefficient (mm-'/(one percent concentration)), t is the sample 

thickness, and ,ul is the attenuation coefficient. T and To are the collimated transmission 

intensities measured on the sample of concentration ICI and the reference sample, respectively. 

For each wavelength, collimated transmission measurements were performed on 

samples of methylene blue and intralipid for a series of increasing concentrations. By plotting 

the quantity on the left hand side of equation 4.1 versus percent concentration of the species in 

solution, the slope of the relationship was used to determine the attenuation coefficient for 1 mm 

of travel through a solution containing a one percent concentration of species. Due to the pure 

absorptive and scattering properties of these two species, the measured attenuation coefficient 

was taken to represent the absorption and scattering coefficient for methylene blue and 

intralipid, respectively. 

4.3.3 Diffuse reflectance measurements of tissue phantoms 

For diffuse reflectance measurements, three tissue phantoms were mixed. Phantom 1 

consisted of a 2% dilution of 10% intralipid solution in distilled water. Phantoms 2 and 3 

contained the same mixture of intralipid with a 0.2 or 0.4 concentration of methylene blue, 

respectively. The total volume for each tissue phantom mixture was 500 ml. To simulate a semi-

infinite tissue, each phantom was placed in an open flat black container to minimize surface 

reflection by the container boundaries. The fiber optic probe was used (see Fig. 3.3) and 
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intensities were measured at several points located 4 - 15.5 mm away from the source fiber. 

Absorption and scattering coefficients were generated from a diffusion model using a scattering 

parameter of g= 0.85 and g = 0.8 for the 543 and 633 nm wavelengths ( 19), respectively, and an 

index of refraction, equivalent to water, n = 1.33, was used. Generated coefficients were then 

compared to the "optical" concentrations of intralipid and methylene blue within the phantom 

mixtures. 

To evaluate the remote tissue spectroscopy instrumentation (Fig. 3.4), remote and fiber 

optic measurements were performed on a fourth tissue phantom, having the same intralipid 

mixture as phantom 1 but mixed from a stock solution that was found to have slightly different 

scattering properties than the first solution. 

4.3.4 In-vitro rabbit MCL and patellar tendon measurements 

In-vitro diffuse reflectance measurements were performed on fresh articular tissues of 

an adult female New Zealand White rabbit using the 543, 633, and 810 nm wavelengths. 

Immediately after sacrifice, the left and right medial collateral ligaments (MCL) and patellar 

tendons (PT) were excised and placed horizontally on a black background with the outer 

surface of the tissue facing upward. Saline was applied at regular intervals to prevent tissue 

dehydration. The contact fiber optic probe was used and diffuse reflectance profiles were 

made along the longitudinal axis of the ligament. To investigate anisotropic scattering 

behaviour in articular tissue, both lateral and longitudinal measurements were made on the 

patellar tendon. 
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4.3.5 In-vivo human skin measurements 

In-vivo measurements were performed on the skin of a human forearm at 633 and 810 

mu wavelengths before and during occlusion of the brachial artery. The remote spectroscopy 

instrumentation was used for these measurements. 

4.4 Improving LDI with tissue spectroscopy measurement 

4.4.1 Surgical preparations 

Experiments were performed on 6 female, skeletally immature New Zealand white 

rabbits (3.8-5.4 kg) of which 3 were primagravid (day 29 of pregnancy) and 3 were virgin 

controls. Surgical procedures consisted of premedicating the animals with a 0.18-nil i.v. dose of 

acepromazine maleate and anaesthetizing with urethane (lgfkg i.p.). To prepare the animal for 

LDI scans and diffuse reflectance measurement, skin and soft tissue surrounding the left and 

right knees were dissected to expose both medial collateral ligaments. The remaining 

background of the preparation was masked with black velvet cloth, ensuring a zero background 

at the anatomic margins of the MCL. LDI scans were performed on the exposed tissue, and 

immediately after scanning, diffuse reflectance profile measurements were made. The animal 

was then killed, and a final LDI scan was taken post mortem for a "biological zero" perfusion 

measurement. 

4.4.2 LDI measurements 

The Moor LDI was used for these experiments, with HeNe laser source of 633nm and 

laser diode source of 830 run. A laser Doppler sampling time of 10 ms was used, resulting in a 

bandwidth with lower and upper cut-off frequencies of 100 Hz and 15 kHz, respectively. 
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4.4.3 Diffuse reflectance measurements 

The fiber optic diffuse reflectance probe was used with 633 and 780 nm wavelength 

lasers. The armature system was adjusted until the spectroscopy probe was positioned directly 

above the tissue surface and held fixed until a radial profile of diffuse reflectance was captured. 

The diffuse reflectance instrumentation produced the effective penetration depths as well 

as the absorption and reduced scattering coefficients. The sum of the squares of the difference 

between the logarithm of the measured data and the modeled data (o) was also produced to 

estimate the confidence level of the in-vivo measurement. 

4.4.4 Spectroscopy measurements 

In ligament tissue the only significant chromophores contributing to absorption in the 

visible to NIR wavelengths are oxy and deoxy-hemoglobin. With only two unknowns, two 

equations (and, therefore, two wavelengths) are sufficient to derive the exact concentrations 

of oxy- and deoxy- hemoglobin. For the two wavelengths used in this study, 633 and 780 urn, 

equation 2.15 can be written as: 

633 - ln(10)(4 [HI,] + 6 633 
- HbO2 [Hbo2 1) 

= + 6HbQ2[HbO2]). 
780 ln(10)(e ° [HbJ 780 

(4.2) 

(4.3) 

Equations 4.2 and 4.3 can be used to solve for the concentrations of oxy and 

deoxygenated hemoglobin. This can be used to determine the total hemoglobin 

concentration, which can then be used with the molecular weight of the tetrahaem molecule 

(64,500 g/mol), to determine the percent vascularization (PV) of tissue volume: 

PV = 100 x [64500/mol  JIHbI+ [Hbo2D, (4.4) 
150 glliter 
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where the concentrations are given in units of molars (mol/litre) and 150 gllitre is the normal 

physiological concentration of hemoglobin in whole blood. 

Finally, the percent oxygenation of hemoglobin within the tissue can be determined 

by taking the ratio of oxyhemoglobin over total hemoglobin 

P02 = lOOXIIHb02/ 
/ffHb]+[Hb02D 

(4.5) 

4.4.5 Statistical analysis 

The mean values for the optical and physiological properties for the pregnant and non-

pregnant animal groups were determined. Both groups were compared for statistical differences 

using an unpaired Student's t-test. Controlled for type II error by adjusting the P-value. 

4.5 In vitro comparison of LDI and LSI measurement 

4.5.1 Tissue phantom, bloodflow model 

To observe the effects of tissue optical properties on LSI and LDI perfusion 

measurements a blood flow model was designed based on the phantom mixing techniques 

outlined in the tissue spectroscopy study. However, for laser Doppler and speckle 

measurement, it was necessary to solidify the phantom mixtures using a clear, colorless 

gelatin compound. This eliminated the background noise created by the Doppler shift of 

photons reflected off solution particles undergoing Brownian motion. 

The tissue phantom was designed with specific mixtures of intralipid and methylene 

blue to simulate the absorption and scattering properties of human skin tissue (see table 5.7). 

The phantom was separated into three equal sections containing various levels of absorption 
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species to investigate the effects of skin oxygenation on the perfusion measurements: 0, 0.02, 

and 0.04 absorptions per mm of photon travel for sections 1, 2, and 3, respectively. 

To model the physiological range of red blood cell velocities present in a capillary 

network, the model used a single long glass capillary with an outer diameter of 1.45 mm and 

an inner diameter of 0.95 mm embedded 1 mm below the flat surface of the three sectioned 

tissue phantom. Blood flow through the tube was steadily increased from 0 to 800 p.L/min 

and held at a constant flow during each perfusion measurement. That volume rate converted 

to a red blood cell velocity range of 0 - 18.8 mm./s. Flow rate was controlled using a 

Model33 syringe pump (Harvard Apparatus, Inc., South Natick, MA, USA) and a one 

percent dilution of whole blood in heparanized saline was used to simulate a diffusive, 

vascularized tissue matrix with a capillary network. The suspension was kept well mixed 

using a Nuova II stirrer, magnetic mixer (BamsteadlThermolyne, Dubuque, Iowa, USA). 

For LDI measurements, the instrument head was positioned 30 cm above the surface 

of the tissue phantom and a sampling period of 10 ms per pixel was used, resulting in a 

frequency bandwidth of 100 Hz to 15 kHz. In an effort to minimize the total scan-time, the field 

of view was restricted to the small section of the phantom containing the tube (2.4 x 0.5 cm), 

resulting in an image resolution of 89 x 17 pixels. This required a total scan time of 15 s. 

For laser speckle measurements, the LSI was placed 20 cm above the tissue phantom 

and focus was adjusted until each of the measured tissue phantom sections (3.7 x 3.3 cm) 

occupied the entire camera field of view, resulting in an image resolution of 768 x 494 pixels. 

Spatial and temporal analysis modes were investigated with the effect of integration time (T = 

1/60 and 11500 s) investigated using the spatial analysis mode. 
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4.5.2 Analysis of bloodflow images 

For both instruments, perfusion images were analyzed by defining an analysis region 

overlying the glass capillary and an average perfusion index was calculated for each flow 

rate. Average perfusion indices were plotted as a function of blood flow and a linear blood 

flow range was defined. Data points within the linear range were analyzed using linear 

regression analyses. 

4.6 In vivo comparison of LDI and LSI measurement 

4.6.1 Human skin 

Skin perfusion experiments were performed with perfusion instruments placed 

directly above the surface of the hand. The middle finger was placed within the center of the 

scan region (2.6 x 2.0 cm). Vascularization to the finger was disrupted using arterial 

occlusion and temperature stimulus. For the arterial occlusion experiments a series of three 

scans was performed: normal, occlusion, and post occlusion. For the temperature stimulus 

experiments hot and cold-water baths were used, where the finger was immersed for 5 

minutes and scans were taken immediately after finger removal. Hot and cold-water bath 

temperatures were kept at a constant 40 and 4 degrees Celsius, respectively. 

For the LDI measurements, the instrument head was placed 30 cm above the right 

middle index finger, giving a 90 x 67 pixel image resolution. An LDI scan time of 4 ms per 

pixel was used, resulting in frequency bandwidth of 250 Hz - 15 kHz and a total scan time of 

24s. 
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For the LSI measurements the CCD camera was placed at a height of 25 cm above the 

right middle finger. Magnification was adjusted until the area of interest occupied the same 

field of view captured within the LDI image, giving an image resolution of 768 x 494 pixels. 

Several LSI blood flow imaging modes were used with 1/60 s integration time: 1) temporal 

(0.33 s capture time with a 5 s processing time), 2) spatial (16 ms capture time and 0.5 s 

processing time), and 3) spatial with averaging (0.33 s capture time with a 5 s processing 

time). 

An LSI blood flow video mode was also used to capture a series of normal, occlusion 

and post occlusion images at one-second intervals. A similar video mode was not possible 

with LDI due to the lengthy image capture times and so an LDI comparison could not be 

made for this part of the study. 

4.6.2 Rabbit joint capsule and quadriceps muscle 

An adult female New Zealand White rabbit was used (1 year old). Under Halothane 

anesthesia, the surface of the quadriceps muscle and joint capsule of the knee were dissected 

free of overlying connective tissue and a series of LSI and LDI scans were taken before, 

during, and after femoral artery occlusion. During an image measurement both instruments 

were set at a fixed distance above the tissue (20 cm) and a scan area of approximately 4.0 x 

2.0 cm was chosen for both the muscle and knee joint capsule. This gave an LDI image 

resolution of 89 x 47 pixels. The same area occupied the full LSI field of view giving an image 

resolution of 768 x 494 pixels. 
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The LDI was operated at 4 ms per pixel, resulting in frequency bandwidth of 250 Hz - 

15 kHz and a total scan time of 17 s. The LSI was operated using the 1/60 s integration time 

and spatial ( 16 ms capture time and 0.5 s processing time) and temporal (0.33 s capture time 

with a 5 s processing time) analysis modes were used. 

4.6. 3 Analysis of bloodflow images 

LSI and LDI instrumentation were compared by defining identical analysis regions 

within corresponding blood flow images and calculating average perfusion values within 

those regions. For each of the in-vivo tissues studied, an average perfusion value was 

determined under normal flow and various conditions of vascular disruption. Using the 

normal perfusion value as a baseline, percent differences under vascular stress were 

determined. These percent differences were used to investigate differences in LSI and LDI 

instrument response to blood flow changes. 

4.7 Endoscopic LSI measurements 

For the endoscopic experiments, validation of the multimode light delivery was 

required. Therefore, two sets of measurements were performed for each experiment, using an 

external single mode fiber optic probe and the internal endoscopic light guide. Results from 

these two methods of light delivery were then compared. 

4.7.1 Bloodflow model 

The blood flow model consisted of a single long, diffusive polyethylene tube of 0.43 

mm radius. The techniques for blood preparation, and flow control were identical to those 
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used for remote LSI investigations. The distal end of the endoscope was placed 1 cm directly 

above the tube. For measurements using the external light delivery, the fiber optic probe was 

positioned above the tube until full field illumination was achieved. Camera field of view and 

focus were adjusted until the tube filled the central major portion of the camera field of view 

(circular area of radius 1 cm). Blood flow images were captured at 1/60 s integration times using 

spatial and temporal analysis modes. Blood flow through the polyethylene tube was steadily 

increased from 0 to 800 pL/min and held constant during each perfusion measurement. By 

using the cross sectional area of the tube that volume rate converted to a red blood cell 

velocity range of 0 — 20 mm/s. 

4.7.2 Human skin 

Skin perfusion experiments were performed with the endoscope placed directly above 

the surface of the hand at a height of 2 cm. The middle finger was placed directly within the 

center of the scan region, occupying an area of roughly 2.5 x 3.0 cm. Vascularization to the 

finger was disrupted using arterial occlusion and temperature stimulus procedures described 

above for the remote LSI human skin measurements. For measurements using the external 

light delivery, the external fiber optic probe was positioned above the middle finger until full 

field illumination was achieved. 

4.7.3 Endoscopic LSI operation and image analysis 

Endoscopic image resolution, capture, and processing times were identical to those 

used for the remote LSI blood flow model and human skin investigations described in 

sections 4.5.1 and 4.6.1. 
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Image analysis procedures for both blood flow model and human skin endoscopic 

experiments were identical to the remote LSI procedures described in sections 4.5.2 and 

4.6.3. 
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CHAPTER 5 

RESULTS 

5.1 In vivo assessment of two LDI techniques (rabbit MCL) 

5.1.1 Comparison of LDI scans 

Fig. 5.1 shows the three scanned images generated using the single wavelength PIM1 .0 

imager and the dual wavelength moorLDl imager. These images represent a typical sequence of 

three scans that are produced for each exposed rabbit MCL. 

5.1.2 Comparison of PIMJ.O output with moorLDINIR laser output. 

Fig. 5.2(a) compares the relation between the mean LDI output signal determined from 

the images obtained using the PIM1 .0 red laser and moorLDl NIR laser. The slope of the 

relation was determined to be 34.5 with a y-intercept of minus 38.0. The data points were 

significantly correlated (r = 0.985; n9). A significance test was performed on the slope, where 

the null hypothesis proposed that the slope could be zero. The mean output of the PIM1 .0 red 

laser and the moorLDl NIR laser were linearly related (P<0.005). 

Fig. 5.2(b) compares the relation between the standard deviations of the output images 

using the moorLDl NIR laser and the PIM1.0 red laser. A slope and y-intercept of 74.4 and 

minus 81.7 respectively were determined. The data points were significantly correlated (P < 

0.005: r= 0.991; n9). 
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Fig. 5.1: False colour MCL perfusion images produced by; (left) the PIM1.O red laser imager, 
(center) the moorLDl red laser imager, and (right) the rnoorLDl NIR laser imager. Degree of 
perfusion is represented by a six (Piml.0) or 16 (moorLDl) level false color spectrum. 
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5.1.3 Comparison of PIM1. 0 output with moorLDl red laser output. 

Fig. 5.3(a) compares the relation between the mean LDI output signal from the red 

wavelength images of the moorLDl and the PIM1 .0. The slope (P < 0.005) of the relation was 

44.5 with a y-intercept of minus 35.7. The data points were significantly correlated (r = 0.999 

n4). 

m
o
o
r
L
D
l
 N
I
R
 o
ut
pu
t 
m
e
a
n
,
 P
.
0
 

160 - 

140 - 

120 

100 - 

80 - 

60 - 

40 - 

20 - 

0 

y = 34.54x - 37.99 

R2=0.97 

1.5 2.5 3.5 4.5 

PIMI.0 red output mean1V 

5.5 

Fig. 5.2(a): Plot of the NIR wavelength of moorLDl image means vs. the red wavelength of 
PIM1.0 image means (P<0.005; r—.985; n9). 
(P.U.)-perfusion units, an arbitrary unit chosen to represent the output voltage from the LDI 
detection system (as documented in MLDIV 1.1 R software.) 

Fig. 5.3(b) compares the relation between the standard deviations of the output images 

using the moorLDl red laser and the PIM1.0 red laser. A slope (P <0.005) and y-intercept of 

90.4 and minus 100.8 respectively were determined. Data points were correlated at (r = 0.966; 

n=4). 
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Fig. 5.2(b): Plot of the NIR wavelength of moorLDl image standard deviations vs. the red 
wavelength of PIM1.0 image standard deviations (P<O.005; r.991; n=9). 
(P.U.)-see Fig. 5.2(a) 

5.1.4 Comparison of the moorLDl red and NIR lasers. 

Fig. 5.4(a) compares the relation between the mean LDI output signal from the 

moorLDl's red and NIR lasers. The slope (P < 0.005) of the relation was determined to be 

0.95 with a y-intercept of 21.0. The data points were significantly correlated (r = 0.988 

n10). 
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Fig. 5.3(a): Plot of the red wavelength of moorLDl image means vs. the red wavelength of 
PIM1.0 image means (P<0.005; r-- l.0; n=4). 
(P.U.)-see Fig. 5.2(a) 

Fig. 5.4(b) compares the relation between the standard deviations of the output using the 

moorLDl's red and NIR lasers. A slope and y-intercept of 0.92 and 14.9 respectively were 

determined. The significance level for this slope was P < 0.005, and the data points were 

correlated (r = 0.98 1; n10). 
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Fig. 5.3(b): Plot of the red wavelength of moorLDl image standard deviations vs. the red 
wavelength of PIM1.O image standard deviations (P<0.005; r = 0.966; n=4). 
(P.U.)-see Fig. 5.2(a) 
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Fig. 5.4(a): Plot of the red wavelength of moorLDl image means vs. the NIR wavelength of 
moorLDl image means (P<0.005; r0.99; n10). 
(P.U.)-see Fig. 5.2(a) 
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Fig. 5.4(b): Plot of the red wavelength of moorLDl image standard deviations vs. the NIR 
wavelength of moorLDl image standard deviations (P<0.005; r = 0.98 1; n=10). 
(P.U.)-see Fig. 5.2(a) 

5.2 Clinical assessment of two LDI techniques (burn scars) 

Table 5.1 provides clinical information on the bum patients in this study. It contains 

patient information (age, and sex) and burn scar information (location, healing period, 

burning-agent, burn scar height, burn scar color, and wound treatment). 

Images of a typical burn scar are shown in Fig. 5.5. Fig. 5.5(a) shows the total 

reflected light intensity photograph produced by the moorLDl during the red wavelength 

scan. The perfusion images and associated color palettes for the moorLDl red scan, the 

moorLDl NIR scan, and the PIM1 .0 scan are given in Figs. 5.5(b), 5.5(c), and 5.5(d), 

respectively. 
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Patient Healing Age Sex Burn Location Color Height Treatment 
SK 1 year 58 F Flame Face 3 1 None 
TT 2 Mo. 19 F H. Water Hand 3 2 C 
GJ 4 years 50 M Electrical Shoulder 1 1 None 
KL 4 Mo. 22 M Gasoline Knee 3 3 C 
MK 15 Mo. 41 M Fire Shoulder I I None 
JO 4 years 44 M Electrical Forearm 2 1 None 
SB 3 years 26 M Hot Tar Wrist 3 2 G 
LB I Mo. 31 M Gas Elbow 3 0 C 
TN 50 Mo. 59 M Fire Upper arm I I C 
EW 22 Mo. 55 M Gas Wrist 2 1 C 
HK 39 Mo. 45 M Gasoline Forearm 1 1 None 
FC 6 MO. 34 M Gas Wrist 3 3 C 
MB 4 weeks 26 M Electrical Forearm I I None 
KH 14 Mo. 25 M Electrical Forearm 1 1 None 
TL 28 Mo. 66 M Gas Forearm 1 2 None 
MDI 21 Mo. 56 M Gas Forearm 1 2 None 
MD2 21 Mo. 56 M Gas Chest 1 2 None 
TH 10 Mo. 53 M Alcohol Hand 3 2 C 
GF 9 Mo. 38 M Flame Hand 3 2 None 
LM 5 Mo. 39 M Electrical Forearm 2 1 None 
lJ1 21 Mo. 37 M Hot water Forearm 1 1 None 
IJ2 21 Mo. 37 M Hot water Elbow I I None 
KS 16 Mo. 60 M Gasoline Forearm 1 1 G 
WM 8 years 48 M Gasoline Shoulder 1 2 G 

Table 5.1: Clinical Information for Patients Studied 

Abbreviations - Mo :months, C :conservative, G:grafted 

Colour - 0: normal pigmentation; 1: slightly pink; 2: pink/red; 3: red/purple. 

Scar height - 0: level with surrounding skin; 1: 1-2mm elevation; 2: 3-5mm elevation; 3: 

greater than 5 mm elevation. 
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Fig. 5.5: Example images generated for a typical burn scar for a) the moorLDl total light 
intensity photograph b) the moor LDI red wavelength perfusion image, c) the moor LDI 
near-infrared wavelength perfusion image, and d) the PIM1 .0 LDI red wavelength perfusion 
image. 
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Fig. 5.6(a) compares the average perfusion values obtained from the moorLDl red 

and moorLDl NIR scans. A high correlation between the red and NIR wavelengths was 

determined, r2 = 0.99 (n = 37). Although the standard deviation values are not depicted, the 

values at these two wavelengths were also highly correlated (r2 = 0.95). 

Fig. 5.6(b) shows the comparison of average perfusion values for the moor LDI red 

wavelength scans and the PIM1 .0 red wavelength scans. The results show a significant 

positive correlation between the outputs of the two scanners, r2 = 0.94 (n = 36). The standard 

deviations for the corresponding average data points were also significantly correlated (r2 = 

0.82). 

Fig. 5.6(a): Comparison of moorLDl NIR and moorLDl red output means. 
P.U.-(see Fig. 5.2(a)) 
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Fig. 5.6(b): Comparison of moorLDl red and PIM1.0 red output means. 
P.U.-(see Fig. 5.2(a)) 
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Fig. 5.6(c): Comparison of moorLDl NIR and PIM1 .0 red output means. 
P.U.-(see Fig. 5.2(a)) 
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Comparison of average perfusion values for the moor LDI NIR wavelength scans and 

the PIM1 .0 red wavelength scans are shown in Fig. 5.6(c). The correlation coefficients for 

average perfusion values and standard deviation values were 0.95 and 0.90, respectively (n = 

38). 

Fig. 5.7(a) compares the average perfusion values obtained from the moorLDl red 

scans with the three clinical-grading values: 1) scar color, 2) scar height, and 3) the combined 

total of scar color and height. A significant correlation between the red scan and the total 

clinical grading was observed; r2 = 0.82 (n = 24). Smaller but significant correlations were 

observed for scar color (r2 = 0.70) and scar height (r 0.63) grading. 
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Fig. 5.7(a): Comparison of clinical grading with moorLDl red output means. Figure includes 
linear plot for total clinical grading vs. moorLDl output. 
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Fig. 5.7(b): Comparison of clinical grading with moorLDl NIR output means. Figure 
includes linear plot for total clinical grading vs. moorLDl output. 
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Fig. 5.7(c): Comparison of clinical grading with PIM1 .0 output means. Figure includes linear 
plot for total clinical grading vs. PIM1 .0 output. 
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Fig. 5.7(b) compares the average perfusion values obtained from the moorLDl NIR 

scans with the three clinical-grading values. A significant correlation between the NIR scan 

and the total clinical grading was observed, r2 = 0.90 (n = 24). A correlation of (r2 = 0.87) and 

(r2 = 0.68) was observed for scar color and height grading, respectively. 

Fig. 5.7(c) compares the average perfusion values obtained from the PIM1 .0 red 

scans with the three clinical-grading values. A significant correlation between the red scan 

and the total clinical grading was observed, r2 = 0.81 (n = 24). A smaller correlation was 

observed for the comparison between the red scan and scar color (r2 = 0.66) and scar height 

(r2= 0.63) grading. 

5.3 Tissue spectroscopy measurements 

5.3.1 Monte Carlo simulations of light-tissue interaction 

The results for the optical properties generated from matching the diffusion algorithm 

with the simulation reflectance profiles for various ranges are given in table 5.2. The percent 

difference between the optical coefficients generated by the diffusion model and the "true" 

Monte Carlo optical coefficients are given in parentheses. To represent the "goodness" of the 

fit, the table also includes the o values. The Monte Carlo diffuse reflectance profile with 

matched diffusion model for the profile range of 4 - 19.6 mm is shown in Fig. 5.8. 
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Profile Range (mm) 2-19.6 3-19.6 4-19.6 

Scattering 9.90(1) 10.91 (9.1)' 11.00 ( 10) 
Coefficient 

/i (mm') 
Absorption 0.009 ( 10) * 0.0089 (11) * 0.0089 (11) * 
Coefficient 

'U. (mm-') 
cr 0.076 0.032 0.026 

Table 5.2: Table of optical properties generated by the diffusion model for Monte Carlo 
diffuse reflectance profile simulations. Modeled tissue optical properties were: /-ta = 0.01 nni 

10.0 mm', g= 0.9, and n = 1.4. 

- root mean square of the difference between the logarithm of the measured and modeled 
data points. 

*percent differences between the diffusion model and Monte Carlo optical coefficients are 
included in parenthesis. 

Fig. 5.8: Diffuse reflectance profile for Monte Carlo output and matched diffusion model. 
Reflectance normalized to unity at p = 4 mm. 
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5.3.2 Collimated transmission measurements 

The results for the attenuation coefficients determined for 1 percent concentrations of 

phantom components of methylene blue and intralipid at 543, 633, 780, and 810 nm are 

given in table 5.3. The attenuation coefficients for methylene blue at the 780 and 810 nm 

wavelengths were omitted because of its poor ability to absorb at these wavelengths. 

5.3.3 Tissue phantom measurements 

The measured diffuse reflectance profiles for the three tissue phantoms at 633 mn 

with matched diffusion model output are given in Fig. 5.9. Diffusion model output and 

diffusion measurements were scaled to unity at p = 4 mm. The absorption and scattering 

parameters generated by the model are given in table 5.4 and are compared with calculated 

optical coefficients using the phantom component concentrations and the extinction 

coefficients obtained from the transmission measurements (table 5.3). The results showed 

very close agreement between transmission and diffuse reflectance measurement techniques 

for both red and green wavelengths (5 - 10 %). 

Wavelength (nn) Intralipid Methylene Blue 

543 0.494 0.0476 

633 0.357 0.2049 

780 0.187 - 

810 0.1724 - 

Table 5.3: Table of attenuation coefficients, 1u1, (mm') for tissue phantom components in 1 
percent solutions. 
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Phantom 1 Phantom 2 Phantom 3 

633 flfll Ps Pa Ps Pa /1a 

Transmission 0.72 0 0.72 0.040 0.72 0.080 

Diffuse Model 0.74 0 0.74 0.036 0.75 0.065 

543 nm PS Pa /1s Pa Ps Pa 

Transmission 0.98 0 0.98 0.009 0.98 0.019 

Diffuse Model 0.97 0 0.95 0.009 0.95 0.019 

Table 5.4: Comparison of tissue phantom optical coefficients (mm-') at 543 nm and 633 imi 
wavelengths derived using the collimated transmission and diffuse reflectance techniques. 

The diffuse reflectance profiles of a 2 % intralipid tissue phantom using the CCD 

camera and fiber optic probe detector are presented in Fig. 5.10. The profiles are normalized 

to unity at the 3 mm distance showing a reasonably good overlap in profile intensities for 

distances greater than 3 mm. The optical properties generated by the diffusion algorithm for 

profile ranges from 3 - 15 mm and 4 - 15 mm are given in table 5.5. Although the tissue 

phantom used for this comparison contained the same mixture as phantom 1, the discrepancy 

between the measured scattering coefficients was probably the result of using a different 

batch of intralipid. 
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Fig. 5.9: Diffuse reflectance profiles for the three tissue phantoms (TP1, TP2, TP3) showing 
the effects of increasing the concentration of the methylene blue absorption component (TP 1 
= 0%, TP2 = 0.2 %, TP3 = 0.4 %), while maintaining a constant scattering component (2 % 
solution of 10 % intralipid). Modeled data points are included where g = 0.8 and n = 1.33 is 
assumed. 
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Fig. 5.10: Comparison of diffuse reflectance profiles captured with a CCD detector (solid 
line) and fiber optic probe detector (squares). A tissue phantom containing a 2 % solution of 
10 % intralipid was used. 
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Optical 
Coefficients 

Jts(mm') 

I1a(mm-) 

CCD Probe CCD Probe 
(3-15 mm) (3-15 mm) (4-15 mm) (4-15 mm) 

0.92 0.89 0.84 0.80 

0 0 0.002 0.008 

Table 5.5: Comparison of measured optical coefficients using a CCD camera and a fiber 
optic probe detector. Measurements are made on a 2 % solution of 10 % intralipid, where a 
scattering phase function of g0.8 and an index of refraction of n= 1.33 are assumed. Ranges 
of 3 - 15 mm and 4 - 15 mm were investigated 

5.3.4 In-vitro rabbit MCL and patellar tendon measurements 

Optical properties along the longitudinal direction in the ligament and along the 

longitudinal and lateral directions in the tendon are presented in table 5.6. Lateral 

measurements at 543 rim were not possible because of the high attenuation of light 

propagation in this direction. Also, due to the finite lateral dimension of the MCL, a 

reasonable range for the diffuse reflectance profile was not possible, and lateral 

measurements in this tissue were omitted. A similar anisotropic attenuation of light was 

observed. 

Photon penetration depths along the longitudinal axis of the patellar tendon were 

omitted because the negligible absorption coefficients that were measured produced 

unrealistically high penetration values. It was assumed that this was a breakdown of the 

diffusion model due to the "light-guiding" properties within the tendon. The measured and 

modeled diffuse reflectance profiles for the right MCL are shown in Fig. 5.11. 
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Fig. 5.11: Diffuse reflectance profile of the right medial collateral ligament at 633 nm over a 
distance range of 4 - 12.5 mm. The matched curve from diffusion theory is also shown. 

543 nm 

633 nm 

810 nm 

Optical 
Coeff. 
(mm-1) 

PS , 
Pa 
Seji 

PS' 
Pa 
äeff 

Ps' 
Pa 

Left Right left PT right left PT right 
MCL MCL (long.) PT (lat.) PT 

(long.) (lat.) 

1.10 1.18 0.70 0.97 
0.082 0.086 0.001 0.001 
1.85 1.75 

1.00 0.86 0.25 0.27 1.53 1.56 
0.048 0.039 0.001 0.001 0.21 0.30 
2.57 3.08 - - 0.95 0.77 

0.96 0.81 0.32 0.22 1.42 1.43 
0.030 0.032 0.003 0.001 0.24 0.32 

3.35 3.52 - - 0.86 0.77 

Table 5.6: Optical coefficients for the left and right medial collateral ligaments (MCL) and 
patellar tendons (PT). 
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5.3.5 In-vivo human skin measurements 

The profiles of the diffuse reflectance measurements made from the forearm skin of a 

human volunteer (n = 1) at 633 and 810 nm wavelengths before and during occlusion of the 

brachial artery are given in Figs. 5.12 and 5.13. At 633 nm, the profile becomes steeper 

during occlusion due to the de-oxygenation of hemoglobin. At 810 nm, the profile does not 

change because oxygenated and de-oxygenated hemoglobin have the same absorption at this 

wavelength. The optical coefficients generated from these measurements are given in table 

5.7. 

Before occlusion During occlusion 

633nm 1u8'(niin') 

ia(mm') 

Seff (mm) 

8lOnm ,u'(mm) 

Pa (niiii') 

Seji (mm) 

0.573 0.483 

0.021 0.064 

5.17 3.09 

0.558 0.498 

0.013 0.015 

6.71 6.58 

Table 5.7: Optical coefficients of skin before and during arterial occlusion at 633 and 810 nm 
wavelengths. 
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5.4 LDI and tissue spectroscopy measurements 

Fig. 5.14 shows a diffuse reflectance profile measured for one of the rabbit ligaments 

using the 633-nm wavelength source. The matched curve from diffusion theory is also 

shown. For this particular measurement, a good fit was obtained (o = .04) generating a 

reduced scattering coefficient of 0.92 mm' and an absorption coefficient of 0.015 mm'. 

The mean values for the optical properties at 633 and 780 nm wavelengths for 

pregnant and non-pregnant rabbit ligaments are given in table 5.8. The average o values from 

the least-squares method are also included. A non-paired student's t-test was used to test for 

significant differences between the pregnant (n=5) and non-pregnant (n=4) rabbit groups. A 

significant difference between the reduced scattering coefficients at 633 nm (P < 0.05) and 

780 nm (P < 0.05) was observed. 
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Fig. 5.14: Measured diffuse reflectance profile of a medial collateral ligament at 633 nm over 
a distance range of 4 - 11.5 mm (triangle). The matched curve from diffusion theory with 1u' 

= 0.92 mm-1and Pa = 0.015 mm' is also shown (circles). 
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The mean values of the optically determined physiological parameters for both 

pregnant and non-pregnant rabbit groups are given in table 5.9. These parameters include the 

hemoglobin concentrations and percent oxygenation, as well as percent vascularization of 

tissue volume. Live and post mortem LDI perfusion values measured at 633-nm wavelength 

and averaged over the entire ligament are also included. Only the live perfusion values 

showed a significant difference between the pregnant (n= 5) and non-pregnant groups (n= 4) 

for (P< 0.05). 

2=633nm 2780run 

Pregnant Non-Pregnant Pregnant Non-Pregnant 

.013 (±.006) .012 (±.008) 

.896* (±.050) .812* (±.016) 

5.66 (± 1.65) 6.66 (± 2.38) 

.153 (±. 142) .124 (±.083) 

.007 (±.003) .008 (±.002) 

.858** (±.043) .785** (± .038) 

7.99 (± 2.07) 7.27 (± 0.83) 

.061 (±.036) .072 (±.029) 

Table 5.8: Table of pregnant and non-pregnant ligament tissue optical coefficients at 633 and 
780 nm wavelengths. 

absorption coefficient 
,u '  reduced scattering coefficient 

effective penetration depth 
sum of the squares of the difference between the logarithm of the measured and 
modeled data points. 

* statistically significant (P <.05) 
* * statistically significant (P < .05) 
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Pregnant Non-Pregnant 

Tissue Perfusion (P.U.) 
(live) 

Tissue Perfusion (P.U.) 
(dead) 

[Hb] (MM) 

[HbO2] (MM) 

Percent Oxygenation 

Percent Vascularization 

222.9* (± 35.9) 416.3* (± 39.6) 

19.4 (± 3.8) 27.3 (± 7.9) 

.007 (±.007) .009 (±.008) 

.038 (±.019) .040 (±.015) 

81.6 (±21.1) 82.1 (± 17.7) 

1.94 (±.70) 2.09 (±.60) 

Table 5.9: Table of optically determined physiological properties of ligament tissue for 
pregnant and non-pregnant rabbits. 

P.U. average perfusion index 
[Hb] deoxyhemoglobin concentration 
[HbO2] oxyhemoglobin concentration 
mM milli-Molars 
* statistically significant (P <.05) 

5.5 In vitro comparison of LDI and LSI measurements 

5.5.1 LDI and LSI output dependence on optical properties 

For the blood flow range of 0 to 800 [tL/min the LDI response curves measured in the 

3 different tissue phantoms are given in Fig. 5.15. In tissue phantom 1 a slope and y-intercept 

of 66.7 and 1.6 were determined, respectively (n10). The r2 value was 0.99. For tissue 

phantoms 2 and 3, a slope and y-intercept of 206.2 and 10.5 (r2 = 0.99: n =10), and 452.6 and 

9.7 (r = 0.99: n =10) were determined, respectively. 
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Fig. 5.15: LDI perfusion output as a function of blood flow rate for the three tissue phantoms. 

For the blood flow range of 0 to 300 j.tL/min, the LSI spatial analysis response curves 

measured in the three different tissue phantoms are given in Fig. 5.16. In tissue phantom 1 a 

slope and y-intercept of 0.31 and 0 were determined, respectively (n=8). The data points were 

significantly correlated with an r2 value of 0.99. For tissue phantoms 2 and 3, a slope and y-

intercept of 0.26 and 0 (r2 = 0.99: n = 8), and 0.16 and 0 (r2 = 0.98: n 8) were determined, 

respectively. Table 5.10 compares the absorption coefficient of the tissue phantom with the 

slope of the LDI and LSI blood flow measurement. 
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Fig. 5.16: LSI perfusion output as a function of blood flow rate for the three tissue phantoms. 
LSI operated in spatial analysis mode and integration time of 1/60 s. 

Tissue 
Absorption 
(1/mm) 

LSI Spatial Mode 
Response factor 

LDI Response factor 

0.00 
0.02 
0.04 

0.31 
0.26 
0.16 

66.7 
206.2 
452.6 

Table 5.10: Comparison of the calculated slope for LDI and LSI instrument response with 
tissue phantom absorption coefficient. 

5.5.2 LSI investigation of camera integration times and analysis method 

For the blood flow range of 0 to 500 [tL/min the LSI spatial analysis response curve 

measured in tissue phantom 1 at 1/500 s integration time is shown in Fig. 5.17. A slope and 

y-intercept of 0.16 and —0.29 (n = 7), respectively, were determined. For comparison, the 
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1/60 s integration time measurement, extended to cover the same blood flow range, is also 

included in the figure. 
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Fig. 5.17: LSI perfusion output as a function of blood flow rate for spatial analysis and two 
integration times, 1/60 and 1/500 s. 

The LSI temporal response curve for 1/60 integration time and a blood flow range 

covering 0 to 800 [1/min is shown in Fig. 5.18. Measurements were performed in tissue 

phantom 1. A slope and y-intercept of 0.10 with 0.04 were determined, respectively. The data 

points (n10) were significantly correlated (r2 = 0.99). 
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Fig. 5.18: LSI perfusion output as a function of blood flow rate for temporal analysis and 
1/60 s integration time. 

5.5.3 Bloodflow images 

LDI blood flow images captured in tissue phantom 1 at flows of 0, 200, 400, and 800 

j.tL/min are given in Fig. 5.19(a). LSI temporal blood flow images (T =1/60 s) for the same 

tissue phantom and at the same flows are given in Fig. 5.19(b) and LSI spatial blood flow 

images (T = 1/60 s) at flows of 0, 100, 200, and 300 jiL/min are given in Fig. 5.19(c). 
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Fig. 5.19: (a) LDI blood flow model perfusion images at 0, 200, 400, and 800 [LL/min. (b) LSI 

temporal analysis blood flow model perfusion images at 0, 200, 400, and 800 iLImin. (c) LSI 
spatial analysis blood flow model perfusion images at 0, 100, 200, and 300 PL/min. (d) 16 
level color palette for LDI and LSI perfusion images. 
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5.6 In vivo comparison of LDI and LSI measurement 

5.6.1 Human skin 

Fig. 5.20 shows LSI generated images of human skin. Included is an image of the 

laser-illuminated tissue, representing a typical speckle image before LSI blood flow 

processing. Also shown are blood flow images captured in temporal speckle analysis mode 

before, during, and after arterial occlusion of the middle finger. The 16 level color palette 

representing different perfusion levels is included in the figure. Similar blood flow images 

were captured using the spatial LSI analysis mode but are not depicted here. 

Fig. 5.21 shows the corresponding LDI images of total reflected light intensity and 

finger blood flow before, during, and after arterial occlusion of the middle finger. The LDI 

color palette and associated perfusion levels are also shown. 

Fig. 5.22 shows an LSI time sequence of blood flow images captured for the finger, 

separated by one-second intervals (maximal temporal resolution is 30 fr/s). The sequence 

shows an initial normal blood flow to the index finger followed by two sequences of arterial 

occlusion and a hyperemic post-occlusion reaction. 

For both occlusion and temperature stimulus experiments, an analysis region 

overlying the middle finger was defined and average perfusion values were determined. 

These values are given in Table 5.11, where LDI and various LSI modes are displayed 

according to column while the associated vascular states are represented according to row. 

The percent increases and decreases associated with vascular alterations are also included. 
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Fig. 5.20: a) LSI photo image of laser illuminated skin tissue. b-d) Temporal LSI image of 
finger blood flow under normal conditions (b), occlusion (c), and hyperemia (d). 16 level 

color scale representing tissue perfusion is displayed on the right. 
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Fig. 5.21: a) LDI photo image of total reflected light. b-d) LDI images of fmger blood flow 
under normal conditions (b), occlusion (c), and hyperemia (d). 16 level color scale 
representing low to high tissue perfusion is displayed on the right. 
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Fig. 5.22: LSI blood flow video sequence showing blood flow response to arterial occlusion 
and release. Images are separated by 1-s time intervals. 

Vascular 

State 
LSI Spatial Mode 

LSI Average Spatial 

Mode 
LSI Temporal Mode LDI 

Normal 
Occluded 

Hyperemic 

Warm 

Cold 

77 
30 (61 % decrease) 

117 (52 % increase) 
118(53% increase) 

45 (41 % decrease) 

78 
26 (67 % decrease) 

109 (40 % increase) 

117 (50 % increase) 
48 (38 % decrease) 

78 
27 (65 % decrease) 

119 (52 % increase) 

102 (30 % increase) 

49 (37 % decrease) 

131 
64 (51 % decrease) 

142 (8 % increase) 

159 (21 % increase) 

87 (34 % decrease) 

Table 5.11: Average perfusion indices for LSI and LDI images of blood flow in fingers. The 
quantity in brackets represents the percent perfusion change relative to normal value. 
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5.6.2 Rabbit joint capsule and quadriceps muscle 

Blood flow images generated by the LSI using temporal speckle analysis mode for 

the exposed knee joint capsule of an adult rabbit are shown in Fig. 5.23. Included is a laser-

illuminated image of the joint capsule showing speckle structure. The color-coded blood flow 

image of the capsule in a normal state of tissue perfusion and the effect of decreased and 

increased tissue perfusion during femoral artery occlusion and post-occlusion hyperemia are 

also shown. 

Fig. 5.24 shows the corresponding LDI images of the joint capsule under normal 

blood flow and the same conditions of femoral arterial occlusion and post occlusion. The 

total reflected light intensity image is also included. 

For measurement of the joint capsule and the quadriceps muscle, the entire image 

field of view was used to determine average perfusion values. These values are given in table 

5.12, where LDI and various LSI modes are displayed according to column while the 

associated tissue and vascular states are represented according to row. Percent difference 

changes are also included for states where normal tissue blood flow was altered. 

Tissue 
Joint Capsule 

Muscle 

Vascular State 
Normal 
Occluded 
Hyperemic 
Normal 

Occluded 
Hyperemic 

LSI Spatial Mode 
44 

27 (38 % decrease) 
76 (75 % increase) 

57 
43 (23 % decrease) 
66 (16 % increase) 

LSI Temporal Mode 
43 

28 (61 % decrease) 
77 (80 % increase) 

61 
55 (11 % decrease) 
67(9 % increase) 

LDI  
35 

16 (61 % decrease) 
35 (0 % increase) 

44 
16 (63 % decrease) 
48 (10 % increase) 

Table 5.12: Average perfusion indices for LSI and LDI images of blood flow in rabbit tissue. 
The quantity in brackets represents the percent perfusion change relative to normal value. 
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Fig. 5.23: a) LSI image of the joint capsule under laser illumination. b-d) Temporal LSI 
blood flow image of joint capsule under normal conditions (b), occlusion (c), and hyperemia 
(d). 
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Fig. 5.24: a) LDI photo image of total reflected light. b-d) LDI blood flow image 
ofjoint capsule under normal conditions (b), occlusion (c), and hyperemia (d). 
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5.7 Endoscopic LSI measurements 

5.7.1 Bloodflow model 

External light probe 

For the blood flow range of 0 to 300 j.iL/min, the endoscopic LSI spatial analysis 

response curve is given in Fig. 5.25. A slope and y-intercept of 0.11 and 5.5 were 

determined, respectively (n=7). The data points were significantly correlated with an r2 value of 

0.94. 

Fig. 5.25: Endoscopic LSI perfusion output as a function of blood flow rate for external light 
probe, spatial analysis and 1/60 s integration time. 

For the blood flow range of 0 to 800 p.L/min, the endoscopic, LSI temporal analysis 

response curve is given in Fig. 5.26. A slope and y-intercept of 0.03 and 5.4 were 

determined, respectively (n= 12). The data points were significantly correlated with an r2 value 

of 0.96. 
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Fig. 5.26: Endoscopic LSI perfusion output as a function of blood flow rate for external light 
probe, temporal analysis and 1/60 s integration time. 

Internal light guide 

For the blood flow range of 0 to 300 j.xL/min, the endoscopic LSI spatial analysis 

response curve is given in Fig. 5.27. A slope and y-intercept of 0.05 and 5.2 were 

determined, respectively (n7). The data points were significantly correlated with an r2 value of 

0.96. 
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Fig. 5.27: Endoscopic LSI perfusion output as a function of blood flow rate for internal light 
guide, spatial analysis and 1/60 second integration time. 

5.7.2 Human skin 

Fig. 5.28 shows the endoscopic LSI-generated images for illumination of the fingers 

using the external light probe. Included is an image of the laser-illuminated tissue, captured 

before LSI blood flow image processing. Also shown are blood flow images captured in 

temporal speckle analysis mode before, during, and after arterial occlusion of the middle 

finger. Similar blood flow images were captured using the spatial LSI analysis mode and the 

endoscopic internal light guide but are not depicted. 

For both occlusion and temperature stimulus experiments, an analysis region 

overlying the middle finger was defined, and average perfusion values were determined. The 

values obtained for the external light probe measurements are given in table 5.13, while those 

using the internal light guide are given in table 5.14. The LSI modes are displayed according 
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to column while the associated vascular states are represented according to row. The percent 

increases and decreases associated with vascular alterations are also included. 

Vascular State LSI Spatial Mode 
LSI Average Spatial 

Mode LSI Temporal Mode 

Normal 

Occluded 

Hyperemic 

Cold 

Warm 

16.4 

7.4 (55 % decrease) 

21.5 (31 % increase) 

13.5 (17 % decrease) 

25.6 (56 % increase) 

15.9 

7.2 (55 % decrease) 

22.3 (40 % increase) 

13.1 (18 % decrease) 

25.9 (62 % increase) 

12.2 

6.5 (47 % decrease) 

15.7 (29 % increase) 

10.5 (14 % decrease) 

18.1 (49 % increase) 

Table 5.13: Average perfusion indices for endoscopic LSI images of blood flow in fingers, 
using the external light probe. The quantity in brackets represents the percent perfusion 
change relative to normal value. 

Vascular State LSI Spatial Mode 
LSI Average Spatial 

Mode LSI Temporal Mode 

Normal 

Occluded 

Hyperemic 

Cold 

Warm 

8.8 

6.4 (28 % decrease) 

16.0 (80 % increase) 

6.0 (32 % decrease) 

15.1 (70 % increase) 

8.7 

6.4 (27 % decrease) 

15.1 (73 % increase) 

6.0 (31 % decrease) 

14.4 (64 % increase) 

7.5 

5.9 (22 % decrease) 

12.9 (71 % increase) 

5.7 (24 % decrease) 

12.2 (62 % increase) 

Table 5.14: Average perfusion indices for endoscopic LSI images of blood flow in fingers, 
using the internal light guide. The quantity in parenthesis represents the percent perfusion 
change relative to normal value. 
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(a) (b) 

(c) (d) 

Fig. 5.28: a) Endoscopic LSI photo image of laser illuminated skin tissue. b-d) Endoscopic 
temporal LSI image of finger blood flow under normal conditions (b), occlusion (c), and 
hyperemia (d). ( 16 level color scale - see fig. 5.20) 
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CHAPTER 6 

DISCUSSION 

This study assessed the utility of laser optical imaging techniques for the 

measurement of tissue blood flow. It demonstrated that all optical perfusion techniques are a 

measurement of the same physical processes of light-tissue interaction that produce laser 

speckle patterns. A critical analysis has been presented to discuss the major differences 

bet}veen LSI and LDI, along with the subtle differences between the two existing commercial 

LDI instruments. 

The initial work in this study began with an assessment and comparison of the two 

LDI instruments to determine if differences in laser wavelength, light collection, and 

scanning technique influenced the perfusion measurement. This initial assessment indicated 

the significant role that tissue optical properties play in LDI. This motivated the design of a 

new tissue spectroscopy instrument that can be used simultaneously with LDI for the 

measurement of tissue optical properties. It also indicated how higher image resolution and 

reduced scan time can improve laser perfusion imaging for clinical applications. This led to 

the development of a new technique called laser speckle perfusion imaging, based on, a new 

method for speckle pattern measurement and analysis. 

6.1 Evaluation and comparison of LDI techniques 

The colored perfusion maps generated by laser Doppler imagers were useful for 

immediate clinical assessment, displaying heterogeneous flow and relative degrees of perfusion 

within skin and joint structures. However, the visual assessment of perfusion images was highly 

subjective, especially for comparisons between different instruments, where colour palettes can 
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vary significantly. To overcome these problems, this study presented a method for comparing 

averages and standard deviations of LDI image data sets, providing a rigorous, statistical 

comparison between perfusion images that could be used to investigate the differences between 

LDI scanning technique, scanning wavelength, and method of light detection. 

Through a careful analysis of the instrumentation, it was discovered that both the 

PIM1 .0 and Moor LDI instruments use the same perfusion estimator (equation 2.26) and the 

same signal processing methods (Fig. 2.9). However, the two instruments use a significantly 

different method of light collection and scanning technique. 

To generate perfusion images, LDI techniques require a laser scan across the tissue 

surface. The movement of the laser beam relative to the tissue produces a Doppler shift from 

stationary tissue components that superimposes over those produced by moving red blood 

cells. This Doppler shift is related to the velocity of the scan and introduces an artefact signal 

in the perfusion measurement. The PIM1 .0 imager eliminates this movement artefact by 

using a stepwise scanning technique, where the scan is stopped during each perfusion 

measurement. The time period for each measurement in a PIM1 .0 LDI is 60 ms with a 

frequency bandwidth of 20 Hz to 12 kHz. The moorLDl uses a continuous scan and 

eliminates the artefact component through a filtering of lower frequencies. That resulted in a 

faster scan time but a reduced sensitivity to low blood flows. For example, the moorLDl 

provides adjustable scan speeds with measurement time periods of 4, 10, and 50 ms per pixel, 

resulting in a low frequency cut-off of 250, 100, and 20 Hz, respectively. This filtering could 

significantly affect the results of a perfusion measurement. 
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The optics and method of light collection for the two instruments is also different. The 

Lisca PIM1 .0 uses a simple bare photodiode to collect Doppler-shifted and non-shifted photons 

reflecting back from the tissue surface. The Moor LDI places a lens in front of the photodiode. 

This is shown in figures 2.7 and 2.8, where each instrument has a unique, speckle size and 

distance dependence, (equations 2.20 and 2.22). 

Despite these differences, the regional averaging and linear regression analysis 

performed in the in-vivo studies showed a high correlation between the two imaging techniques. 

Both instruments presented a similar response function, and the lack of sensitivity to low blood 

flows for the faster scanning moorLDl technique did not present a problem for the range of 

blood flows measured. For the bum study, both instruments and wavelengths showed a 

correlation to scar colour, scar height, and the combined scar colour and height clinical 

grading indices, but a higher correlation was observed between perfusion and the combined 

index for all the scans. These results suggested that LDI was effective for clinical as well as 

research applications. The moorLDl, with its fast scan mode and higher image resolution, 

had a significant clinical advantage. 

At each measurement point in an LDI scan, the total reflected light intensity is 

captured for noise correction and normalizing the perfusion measurement. This information 

is stored in a "DC" or "photo" image file that is useful for analysis of the perfusion images 

and for determining the anatomical locations of vascular structures. DC images are also very 

useful for determining regions where total reflected light saturates the photo-detector. 

Saturation was discovered to be the most significant source of error for LDI techniques. For 

example, the bright white spots in the photo-image of Figure 5.5a depict regions where specular 
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reflection off the tissue surface occurred. Specular reflection is a problem associated with shiny, 

smooth tissue surfaces, such as ligament and some bum scars, and produces perfusion 

overestimation artefacts. Specular reflection can also be caused by the presence of liquid or gel 

substances on the tissue surface, such as medicative ointments, saline, or normal body fluids. 

A saturation effect can also occur during generation of the indices presented in the 

perfusion maps. When this happens, an underestimation of tissue perfusion is made in regions 

of the tissue having high blood flow. This saturation effect can be seen in the perfusion maps of 

Figure 5.5. The slightly larger red coloured regions and lack of white palettes in the Moor LDI 

red scan (Figure 5.5b) compared with the NIR scan demonstrates the effect of rescaling a 

perfusion image that contained a moderate level of saturation (Figure 5.5c). 

Distancing or angling the tissue surface away from the detecting optics can avoid 

saturation problems. However, with curved tissue surfaces and regions containing a large 

perfusion range it is difficult to completely avoid saturation. In the plots that represent the 

correlation of data points for a scan-pair (Figs. 5.2, 5.3, 5.4, and 5.6), when more than 10 % 

saturation occurred in one of the images, the data point was placed well above or below the line 

of best fit. For these reasons, it was necessary to discard some of the images that contained 

significant levels of saturation (> 10%). 

The moorLDl provides a dual wavelength utility that permitted a comparison between 

perfusion images generated by NIR and red scans. The main advantage of using the NIR 

wavelength laser is better penetration through highly pigmented tissues, such as skin. Thus, it is 

possible that different wavelengths may be able to measure different regions of flow, separated 

in depth by the differences in penetration of the red and NIR photons ( 1, 27). Very little 
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information is available on the optical properties, and the associated laser penetration depths, of 

rabbit ligament and bum scarred tissue. However, the results from a comparison of red and NIR 

LDI scans in this study showed a very high correlation, suggesting that the use of a second, 

deeper penetrating NIR wavelength did not provide an advantage for rabbit ligament and bum 

wound measurements. Without more information on the optical properties of these tissues, it is 

difficult to say whether these results suggest that the dominant vascular components for these 

two tissue models lie close to the surface in a region that is equally accessible to red and NIR 

photon penetrations, or whether the lack of pigmentation in ligament and burn scars provides 

equal penetrations for both red and NIR photons. 

LDI is dependent upon laser wavelength, laser power, and tissue optical properties (20, 

21,22). Optical properties vary with tissue arid can also change during tissue injury and healing. 

For example, in the bum study, it was determined that the optical properties of normal tissue 

(contralateral control scans) were very different from bum-scarred tissue and could not be used 

as a baseline when bum perfusion measurements were compared with clinical grading. 

Although the progress of burn wounds were not monitored in this study, structural changes in 

the wound surface that occur during healing could affect the perfusion measurement. It was also 

observed that ligament injury (ACL transection) caused an inflammatory response in the 

surrounding joint tissues, altering the optical characteristics of the MCL. Thus, it was 

determined that a measurement of optical properties is required for the tissues used in an LDI 

study. 
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6.2 Optical properties study to improve LDI 

As an improvement to LDI, a new optical measurement technique was designed that 

could be performed in-vivo, in real-time, and simultaneous with a perfusion measurement. 

The new instrument performs multiple wavelength diffuse reflectance measurements. It 

provides real-time information on penetration depths and sampling volumes specific to the 

tissue of interest. The instrument is based on a previous design that was modified to use LDI 

laser sources, and a remote method for light delivery and collection. A detailed testing and 

validation of the new technique was required before it could be used in-vivo. This process 

involved: 1) testing the accuracy of the software algorithm using computer simulations, 2) 

evaluation of the instrumentation with tissue phantom and in-vitro measurements, and 3) 

evaluation of the performance of the remote design by comparison with a fiber optic probe. 

Monte Carlo simulations and an analytical diffusion algorithm were used to generate 

optical properties from matched profiles of measured diffuse reflectance. It was observed that 

the diffusion approximation, and the goodness of fit of the matched diffusion profile, broke 

down for a profile range close to the source (-i 2 mfp'). The Monte Carlo model, with a more 

rigorous treatment of photon transport, did not suffer from these limitations but required a 

considerable length of processing time that would not be practical for real-time clinical 

measurement. Therefore, the diffusion algorithm was ultimately chosen for the clinical 

instrument and the Monte Carlo program was used to evaluate the diffusion approximation, 

to determine an acceptable profile range for measurement in real tissue. Results from the 

simulated tissue indicated that the generated optical coefficients were accurate to within 10 

percent. Measurement of diffuse reflectance in the tissue phantom models showed a slightly 
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better agreement than for the computer simulation, where the optical properties compared 

very well with the transmission technique (5 - 10 %). These phantom measurements also 

confirmed that remote detection (CCD) and contact detection (fiber optic probe) techniques 

give relatively similar results, validating the use of a remote technique for the measurement 

of diffuse reflectance. 

The in vitro measurements demonstrated that longer wavelengths give consistently 

larger penetration depths within ligament and tendon tissues. This is probably due to the 

absorption spectrum of hemoglobin, where absorption is stronger at shorter wavelengths. For 

measurements made in the patellar tendon, larger scattering and absorption coefficients were 

observed along the lateral dimension of the tissue compared to the longitudinal dimension. 

Photon propagation within connective tissue is dominated by scattering off the boundaries 

between collagen and the interstitial fluid. Due to the regular fibril structuring in ligament 

and tendon, where collagen fibers align themselves along the direction of applied 

biomechanical forces, light guiding along the longitudinal axis was observed. 

For the in-vivo spectroscopy measurements performed in ligaments of pregnant and 

non-pregnant rabbits, the light guiding effects were also observed. Since the reflectance 

profiles were performed along this dimension, it is likely that calculated penetration depths 

do not reflect penetrations in the lateral and depth dimensions of the tissue, and that a severe 

anisotropic scattering and LDI sampling volume is occurring. Results showed that LDI 

measured a decrease in the average tissue perfusion in the ligaments of pregnant animals 

compared to age-matched non-pregnant animals. For the optical property measurements, a 

significant difference was observed in the scattering coefficients between the two groups, 
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suggesting that some type of tissue restructuring occurs during pregnancy. Since scattering in 

connective tissue is dominated by the collagen interstitial fluid boundaries, some of the 

possible physiological changes that might be occurring are 1) a change in water content and 

distribution, altering the separation between collagen, and 2) a change in tissue laxity, 

affecting collagen structure (23). 

Although the other optical properties showed no significant differences between the 

pregnant and non-pregnant groups, the percent oxygenation of hemoglobin were within 

expected physiological parameters and the percent vascularizations were comparable to 

percent vascularizations calculated using invasive, in-vitro procedures such as India ink and 

carmine red infusion techniques (13, 30). 

The in-vivo measurements in human skin demonstrated that the spectroscopy 

instrumentation is sensitive to changing levels in hemoglobin oxygenation. The profile for 

the 633 rim wavelength shows a steeper decline during arterial occlusion (figure 5.12). This 

is due to an increased absorption of the photons as hemoglobin becomes deoxygenated. The 

profile at 810 nm remains relatively constant before and during arterial occlusion (figure 

5.13). This is because 810 nm is relatively close to an isobestic point in the extinction 

spectra, where oxy- and deoxy- hemoglobin have almost the same extinction coefficient. 

These results provided optical properties that could be used to determine the effective 

penetration depth of red and NIR wavelengths in human skin. It was demonstrated that, for 

red wavelengths, this penetration depth changes with tissue oxygenation but it remains 

relatively constant at NIR wavelengths. Other LDI investigators use collimated fluence 

penetration depths, determined from in-vitro transmission measurements (27), but the 
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effective penetration depths presented in this study were determined from in-vivo reflectance 

measurement and may have more relevance as an indicator of LDI sampling volumes. These 

"effective" depths are slightly higher than the collimated penetrations measured in in-vitro 

tissue. Thus, it may be possible that red and NIR scans are highly correlated because red 

penetrations are deep enough to access the vascular structures dominating the perfusion 

measurement. 

Spatially resolved diffuse reflectance provides information on laser penetration 

depths, perfusion sampling-volumes, and could provide a method for monitoring the tissue 

restructuring associated with pregnancy, disease, and injury. It also provides additional 

metabolic information, such as oxy and deoxy-hemoglobin concentrations, tissue 

oxygenation, and percent vascularization. A technique combining spectroscopy with LDI for 

the continuous monitoring of tissue perfusion and metabolic state would have significant 

clinical impact in the study of tissue disease and injury. 

6.3 LSI - improvement on LDI 

To provide an improvement on the low image resolution and long scan time 

associated with LDI, a new optical technique and instrumentation for measuring tissue 

perfusion was designed: laser speckle perfusion imaging. The advantages offered by this new 

technique were highlighted in several pilot study comparisons of LDI and LSI. One of the 

most significant advantages offered by LSI is its adaptability for endoscopic applications and 

an initial pilot study demonstrating the first application of endoscopic perfusion imaging was 

presented. 
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To provide a proper comparison, it is necessary to review some important differences 

between LDI and LSI measurement of tissue perfusion. LDI generates a perfusion index, by 

using a frequency weighted band-pass filter to measure Doppler shifted frequencies. The 

measured spectrum of frequencies is limited by the upper and lower limits of the band-pass. 

This limits the sensitivity range of the blood flow measurement. The continuous scan 

moorLDl had a smaller band-pass to eliminate low frequency artefacts, and was less sensitive 

to low flows. Before band-passing, the perfusion index is normalized by dividing by the total 

light intensity of the measurement to account for changes in laser intensity, 

The LSI uses an image-processing algorithm to estimate perfusion. This is based on 

an analysis of speckle reduction due to motion and is given by equation 3.3, where only the 

first order component was used in this study. Equation 3.3, simplified to include only the first 

order term, becomes: 

'BF OC 'REF (6.1) 

which represents the perfusion estimator used for each pixel within the generated blood flow 

image. 

The numerator of equation 6.1 is the reference intensity, where the speckle pattern 

has been removed through reduction techniques. It represents the constant background 

intensity of the measurement and is similar to the constant total light intensity image 

measured by LDI. This is used to normalize the generated perfusion image and eliminate any 

non-uniformity that is present within the illumination region. The denominator is the absolute 

sum of difference between the fluctuating speckle component and the constant background 

intensity (equation 3.2), and, to an approximation, represents the standard deviation of the 
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fluctuations in the speckle pattern. Therefore, equation 6.1 is similar to the signal-to-noise 

ratio of speckle statistics, which has been shown to be related to perfusion and camera 

integration time (equations 2.39 and 2.40). The dependence of the LSI perfusion index on 

camera integration time influences the response range of LSI to blood flow changes in a way 

that is analogous to the LDI band-pass filter. 

A blood flow model was designed with tissue simulating optical properties to investigate 

differences in the blood flow response function of LDI and LSI. A range of optical absorptions 

within the model was used to investigate LDI and LSI dependence on tissue optical properties. 

Model measurements showed a slight reduction in the sensitivity of LDI to blood flow changes 

at low flows, where the response curve approaches a horizontal asymptote. The LDI was 

operated using a 10 ms/pixel sampling time in these experiments, where the response function 

begins to plateau for flows less than 50 j.tL/min. When the LDI is operated at 4 ms/pixel this 

inflection point is observed at 100 .tL/min. This effect is caused by the band-pass filter, where 

faster scan times require a higher value of the lower cut off frequency (250 Hz) to eliminate 

movement artefact. In a similar way, the upper cut-off frequency of the band-pass filter (15 

kHz) determines the maximal blood flow measurable within the LDI linear response range. For 

the LDI, the maximal flow measurable at 1 % red blood cell concentrations is 800 j.tL/min. 

Nevertheless, LDI demonstrates a very strong linear relation within the 0 to 800 j.tL/min blood 

flow range, and this range is within the physiological parameters of normal tissue capillary 

blood flow. 

For LSI measurements at T = 1/60 s integration time, the temporal speckle analysis 

mode demonstrated a very strong linear relation up to 800 jtL/min. Aa reasonable linear 
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response was observed with flows as high as 1400 tL/min (not shown in figure 5.19). For the 

same integration time, spatial speckle analysis demonstrated a more limited blood flow range of 

0 to 300 pL/min, but when the integration time was reduced to T = 1/500 s, the LSI had a linear 

response up to 500 4L/min. This demonstrated the dependence of LSI response range on the 

camera integration times. Results from a comparison of the temporal and spatial analysis LSI 

indicated a difference in the response range for the two techniques. However, the non-rigorous 

first order speckle analysis presented in this study did not distinguish between the analysis of 

spatial and temporal speckle. To explain the differences between the response functions of the 

two techniques, a more rigorous analysis is required 

The LDI and LSI blood flow response curves from the tissue phantom sections 

containing different levels of absorption clearly demonstrated a dependence of perfusion 

measurements on optical properties. However, it was determined that LSI and LDI exhibit 

opposite responses to increasing absorption. This effect is probably due to the use of the 

normalization factor in LSI and LDI measurements. Increased absorption reduces the level of 

diffuse reflected light captured by both perfusion measurements. LDI normalizes the measured 

tissue perfusion by dividing by the measured total reflected light. Therefore, the perfusion 

calculation is higher for increased tissue absorption, and the slope relating the LDI perfusion 

index with blood flow is greater. In LSI, the intensity of the reference image decreases with 

increasing tissue absorption. As a result, the LSI perfusion index decreases (equation 6. 1), and 

the slope of the LSI output has an inverse relationship with the tissue absorption coefficient. 

Figure 5.19 depicts LDI and temporal and spatial LSI perfusion images generated for 

some of the flow points presented in figures 5.15, 5.16, and 5.18. To demonstrate the 
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similarity between the blood flow images, the LSI images have been cropped to present a 

similar field of view as LDI. Despite the fact that these LSI images represent only a small 

portion of the entire captured image, they still demonstrate a considerably higher resolution. 

Figures 5.20 and 5.21 demonstrate the similarity between LSI and LDI perfusion 

images of skin blood flow, but the higher resolution in the LSI images is immediately 

apparent. The blood flow images in figures 5.23 and 5.24 show that LSI and LDI are both 

capable of depicting regions of higher and lower perfusion, but the higher resolution LSI 

images also contain details of the vascular structure within the joint capsule. This clearly has 

a clinical advantage, where the effects of occlusion and hyperaemia can be observed at the 

vascular level using LSI. 

Both LDI and LSI instruments generate black and white images of the laser-

illuminated tissue. These images are useful for determining the anatomical boundaries 

associated with the perfusion regions presented in the blood flow maps. For the LDI, these 

images can take several minutes to produce and, in most cases, the resolution is too low for 

clinical use. This is demonstrated in figure 5.24, where it is difficult to make out the 

structures of the joint capsule. 

In LSI, the black and white image is captured as a simultaneous video, presented at 

standard video resolution and refreshed at video-rates. Subsequently, the video display can be 

very useful for real-time clinical analysis and for positioning the instrument over the tissue of 

interest. The LSI black and white images also depict the speckle structure of the laser light 

superimposed over the image of the tissue. Notice that some areas of the illuminated tissue 

show a stronger speckle contrast than others. These areas, such as the medial collateral 
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ligament (MCL) shown in figure 5.23 as the shiny vertical structure in the central region of 

the image, correspond to areas of low blood flow. Areas of higher blood flow, such as the 

tissues of the joint capsule surrounding the MCL, reduce the speckle contrast. 

From the reflected laser light images generated using LSI and LDI, it can be seen that 

LDI images are particularly susceptible to specular reflection (e.q. the light reflected by the 

fingernail and MCL presented in the black and white photos in Figs. 5.21 and 5.24). Specular 

reflection can cause an artefact in the corresponding regions of the blood flow image. 

Therefore, it is effective for a blood perfusion imager to use a technique to eliminate the 

specular component in the measured light reflected back from the tissue surface. LDI does 

not have this feature, but the LSI instrument uses a polarized light source in conjunction with 

a crossed polarization filter in the receiving optics for minimizing the effects of specular 

reflection during light measurement. 

Tables 5.11 and 5.12 provide a quantitative analysis of LDI and LSI instrument response 

to blood flow changes, where average perfusion values and the associated percent differences 

are given. What is immediately apparent is that both instruments measure the same increasing or 

decreasing perfusion trend during vascular disruption. Differences in the measured changes 

relative to the normal blood flow baseline can be attributed to different instrument response 

functions. In most cases, the observed differences are likely the result of the temporal response 

times associated with the LSI and LDI instrumentation. The hyperaemic reaction occurs shortly 

after arterial release during a time interval that is comparable to the lengthy LDI scan. Also, the 

disruption of flow due to occlusion is not an immediate response. As a result, the sequential LDI 
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measurement averages out the effects of hyperaemia and occlusion - minimizing and 

maximizing the measured responses, respectively. 

In the skin perfusion measurements, an average of several blood flow images was used 

to determine if the signal-to-noise ratio could be improved. We observed that averaging 

improved the quality of the blood flow images but did not significantly affect the average 

perfusion values calculated in table 5.11. This is because perfusion values are the result of a 

spatial average within the given analysis region and this averaging is sufficient for signal 

enhancement. 

From tables 5.11 and 5.12 it is clear that tissue blood flow in response to vascular 

disruption is highly dynamic and that instrument response time can significantly affect a 

blood flow measurement. The fast LSI temporal response provides a distinct advantage over 

LDI. It has the ability to monitor high frequency blood flow changes; giving thousands of 

images in the time it takes to complete one full sized LDI scan. Figure 5.22 shows a sequence 

of frames from an LSI blood flow video, demonstrating a highly dynamic vascular adaptation 

to occlusion occurring in a time interval that is an order of magnitude smaller than the time it 

takes to complete one single LDI scan. LSI blood flow video would be a very useful tool for 

observing the highly dynamic effects of mechanical and drug interventions. 

6.4 Endoscopic LSI 

Adaptation of the LSI instrument for endoscopic applications required two major 

design criteria: 1) construction of a lens adapter for the optical connection of the endoscopic 



137 

relay lens unit to the LSI camera, and 2) optical connection of the LSI fiber optic light source 

to the endoscopic light guide. 

Ultimately, the preferred embodiment of the endoscopic LSI would be a utilization of 

many standard endoscopic components. At the moment, light sensitivity is a key problem due 

to the small aperture size of the endoscopic objective lens. This problem can be overcome 

using higher-powered laser sources, but the availability of stable sources with higher power 

is restricted. An alternative is to use light sensitive cameras in the measurement. Although it 

is possible to use standard endoscopic cameras for LSI, the older endoscope model used in 

this study did not have the same high light sensitivity as the LSI camera. Thus, the LSI 

camera was used for generation of the blood flow images presented in this study, although 

pilot study work was also performed using the endoscope camera, as well. 

Due to the issues of poor light sensitivity, light delivery had to be performed as 

efficiently as possible. Endoscopes are equipped with internal light-guides that are used for 

standard illumination of the body cavity. However, these light guides are not as efficient as 

scientific grade optical components. The method of light delivery is not designed for single 

mode laser sources as several multimode transmitting fibers are used. This was a potential 

problem for LSI applications as each light mode has a unique path length that interferes 

constructively and destructively with light from other modes, projecting an interference 

pattern onto the tissue surface. This pattern looks deceptively similar to a large-scale speckle 

pattern. The effects of this pattern on LSI measurements was unknown, and a second 

technique of light delivery to the tissue was used to evaluate these effects. This technique 
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used a single mode fiber optic probe placed above the tissue surface and adjacent to the 

endoscope device. 

Using an integration time of T = 1/60 s, measurements in the blood flow model were 

performed using the external fiber optic probe. Results showed that endoscopic LSI 

demonstrated a linear response to blood flow, with a similar response range for the spatial 

and temporal measurements as that found using the remote LSI. Blood flow model 

measurements using the internal light guide were performed using T = 1/60 s integration time 

and spatial analysis. A blood flow response curve was produced, similar to the same 

measurements made using the external light probe but with a different slope and y-intercept. 

Those results suggested that the multimode effects do not significantly affect the LSI 

measurement. That was because the spatial frequency in the pattern of the multimode 

interference was considerably larger than the frequency of the speckle pattern and the size of 

the spatial analysis region (7 x7 pixels). Thus, the artefact pattern became normalized out in 

the reference image and did not destroy the perfusion calculation. 

As a measurement of skin blood flow changes, the endoscopic images were very 

similar to the remote LSI images. Endoscopes are susceptible to a "fisheye" lens effect in the 

field of view, and the LSI perfusion algorithm seems to accentuate these effects. 

Nevertheless, this only occurs at the outer boundaries of the images and the central region 

remains very well defined. Tables 5.13, and 5.14 depict the average perfusion indices 

determined for the various states of vascular disruption. The moderate disparity between the 

percent differences of vascular change measured by multimode and single mode illumination 

could be attributed to the unique response functions of the two measurements. 
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CHAPTER 7 

CONCLUSIONS 

In the first portion of this study, two LDI imaging techniques were compared and the 

differences in the method of scanning and light collection used by each instrument were 

presented. Despite these differences, the two commercial perfusion imagers provided similar 

responses for the range of blood flows measured, and that LDI is a very powerful and useful 

technique for the non-invasive measurement of ligament and burn scar perfusion. This study 

has shown that red and NIR scans measure similar perfusion in ligament as well as normal 

and burned skin tissue. It was also shown that the perfusion measurement from both LDI 

techniques correlates with clinical grading of burn scar height and colour. However, it was 

observed that the moorLDl might be better suited to clinical bum applications, where short 

scan times and higher image resolution are important for patient comfort and clinical 

diagnosis. 

To overcome some of the uncertainties in LDI measurement, the second part of this 

study involved the design and testing of a new tissue spectroscopy instrument for simultaneous 

use with LDI measurement, to determine laser penetration depths and sampling volumes. This 

instrument provided the first optical measurements of rabbit MCL and patellar tendon, where a 

light guiding effect along the direction of collagen alignment was observed. It was used with 

LDI in a physiological comparison between pregnant and non-pregnant rabbit groups for the 

measurement of hemoglobin concentration, oxygenation, and percent vascularization, where a 

significant difference in optical scattering was observed. This suggests that some type of 

connective tissue restructuring occurs during pregnancy. Finally, the instrument was used to 
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determine the optical properties of in-vivo human skin at red and NIR wavelengths, providing a 

more relevant measurement of LDI penetration depths than those previously determined using 

in-vitro techniques. From the in-vivo measurements, it was shown how LDI penetration depths 

at red and NIR wavelengths are influenced by hemoglobin oxygenation. 

In the third portion of this study, a prototype laser speckle perfusion imaging system 

(LSI) was designed and tested. It produces very rapid, high-resolution video images of tissue 

perfusion, providing a greatly improved diagnostic tool. To demonstrate the utility of LSI, 

the new technique was adapted for endoscopic applications, where the first endoscopic 

perfusion measurements were performed. 

Limitations 

Optical perfusion measurements are limited to producing only a relative index of 

blood flow. Absolute measurement of blood flow is not possible until the complex nature of 

the laser-tissue optical interactions are obtained. In particular, when LDI is used in tissues of 

unknown optical properties, uncertainties in laser penetration depths and perfusion sampling-

volumes restricts even a qualitative interpretation of the measurement. Also, for comparisons 

between different physiological groups, optical perfusion techniques could be significantly 

influenced by any associated changes in tissue optical properties. Although this study has 

provided some preliminary work demonstrating how the simultaneous measurement of tissue 

optical properties with LDI can provide an improvement to these limitations, considerable 

work is still required to link directly optical properties to the measurement. 

In these investigations it was determined that the LDI measurement is susceptible to 

detector saturations, producing erroneously higher or lower perfusion values. It has been 
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determined that specular reflection, from shiny smooth tissue surfaces, is the major cause of 

saturation and that the use of polarized filters, such as those used in the LSI instrument, can 

significantly reduce this problem. 

It is important to recognize that tissue spectroscopy techniques, such as the one used 

in this study, use a photon transport model that assumes isotropic scattering. Therefore, 

measurement made in regular connective tissues with anisotropic scattering properties, such 

as ligament and tendon, should be interpreted with caution. 

Future Directions 

The experiments performed in this study were some of the initial steps required to 

improve the optical perfusion measurement of tissue blood flow. Further steps will be required 

to demonstrate the usefulness of simultaneous optical perfusion and tissue spectroscopy 

measurement. The tissue phantoms designed in this study will play a key role in the empirical 

determination of the relation between tissue scattering and absorption properties and perfusion 

measurement. 

The spectroscopy and LSI instruments share many of the same components, and future 

work will be to incorporate spectroscopy measurement into the LSI technique. The combination 

of these two instruments may one day provide an absolute measurement of tissue blood flow. 

Additional steps will be taken to investigate the differences between temporal and 

spatial speckle analysis and the specific role that integration time plays in the perfusion 

measurement. New in-vivo studies will be added to demonstrate the advantages of the high 

resolution, rapid response LSI technique. In particular, LSI blood flow video of tissue response 

to pharmacological interventions in well-defined animal models will be performed. The 
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hypothesis is that LSI will be able to monitor high frequency blood flow changes by capturing 

perfusion images at temporal resolutions previously unattainable with LDI. To demonstrate the 

clinical advantages of the rapid image capture of LSI, a burn study comparison between LDI 

and LSI, involving the monitoring of burn wound perfusion over the course of one year, will be 

performed. The hypothesis is that LSI will be a more useful clinical tool than LDI for the 

measurement of burn wound perfusion, based upon the criteria of imaging speed, image 

resolution, and patient comfort. 

The endoscopic LSI will be used for a clinical study of human joint tissue. The 

hypothesis is that optical measurements of perfusion can be used as a quantifiable method for 

measuring tissue blood flow during endoscopic surgery. The objective would be to demonstrate 

how a database of blood flow images could be used to study joint injury, disease, and clinical 

intervention. 

The value of LSI is not completely defined, but should improve the quality of diagnostic 

information and treatment planning by providing an alternative optical perfusion imaging 

technique with a higher image resolution and faster response time than LDI. This new 

information could potentially lead to innovative strategies to optimize tissue perfusion in 

diseased and healing tissue, including skin, muscle, ligament, tendon and bone. 
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