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ABSTRACT 
 

CONCURRENT DIFFUSE OPTICAL TOMOGRAPHY, SPECTROSCOPY AND 

MAGNETIC RESONANCE IMAGING OF BREAST CANCER. 

 
Vasilis Ntziachristos 

Britton Chance &  Arjun Yodh 

 

 

Diffuse Optical Tomography (DOT) in the Near Infrared (NIR) offers the potential 

to perform non-invasive three-dimensional quantified imaging of large-organs in vivo. The 

technique targets tissue intrinsic chromophores such as oxy- and deoxy- hemoglobin and the 

uptake of optical contrast agents.  

This work considers the DOT application in studying the vascularization, 

hemoglobin saturation and Indocyanine Green (ICG) uptake of breast tumors in-vivo as 

measures of angiogenesis, blood vessel permeability and oxygen delivery and consumption. 

To realize this work an optical tomographer based on the single-photon-counting time-

correlated technique was coupled to a Magnetic Resonance Imaging (MRI) scanner. All 

patients entered the study were also scheduled for biopsy; hence histopathological 

information was also available as the “Gold Standard” for the diagnostic performance.  

The feasibility of Diffuse Optical Tomography to image tissue in-vivo is 

demonstrated by directly comparing contrast-enhanced MR and DOT images obtained from 

the same breast under identical geometrical and physiological conditions. The effect of tissue 

optical background heterogeneity on imaging performance is also studied using simulations. 

Additionally, optimization schemes are presented that yield superior reconstruction and 

spectroscopic capacity when probing the intrinsic and extrinsic contrast of highly 

heterogeneous optical media.  

The simultaneous examination also pioneers a hybrid diagnostic modality where MRI 

and image-guided localized diffuse optical spectroscopy (DOS) information are concurrently 
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available. The approach employs the MR structural and functional information as a-priori 

knowledge and thus improves the quantification ability of the optical method. We have 

employed DOS and localized DOS to quantify optical properties of tissue in two and three 

wavelengths and obtain functional properties of malignant, benign and normal breast 

lesions. Generally, cancers exhibited higher hemoglobin concentration, lower hemoglobin 

saturation and higher ICG uptake than normal and benign lesions.  

The use of DOT and localized DOS is found to be a valuable clinical tool to study 

tissue function. The potential to use DOT for early breast cancer detection by employing 

emerging classes of optical contrast agents that target highly specific biochemical cancer 

properties in the cellular level has also been demonstrated.  
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1 Introduction 
 

 

 

 

 

 

This work occurred at a truly exciting period for diffuse photons. It started at the 

beginning of 1996 where many theoretical advances and laboratory devices had 

demonstrated potential to use diffuse photons clinically. It was postulated that diffuse 

photons would aid our study of the human body in-vivo and would supplement X-ray 

photons, tissue proton and phosphorus resonances in magnetic fields, ultrasonic waves and 

simultaneous emissions of radioisotopes amongst other technologies. There was a 

compelling reason to pursue this work. Light is probably the “best surviving tool” in the 

Bio-field [1]. And that of course is not accidental. Light offers unique interactions with tissue 

elements to allow the study of biochemical and pathophysiological functions by probing 

tissue elements and given the correct mathematical tools by quantifying them. Although light 

has been used to image surface structures for the last 100 years, its use to measuring large 

organs and probe internal structures has been limited mainly due to the high scattering that 

tissue exhibits in the visible and Near Infrared region. In the late 1980’s photon propagation 

in tissue was modeled with a simple differential equation, the diffusion equation. This led to 



 

 2

a small revolution that fueled the “photon diffusion” field. The field flourished in the 1990’s 

because the use of rigorous light propagation models in tissue opened up new ways to 

perform quantitative spectroscopy and tomography of deep tissue. Furthermore several 

technological advances have made the manipulation of light a more cost-effective and 

clinically feasible process. The enthusiast of optical and electronic technology can delve in a 

plethora of technologies such as laser diodes, miniaturized photo-multiplier tubes and CCD 

cameras to construct instruments that exploit light. From single photon counting to the use 

of polarized light and fluorescence, the field is now expanding rapidly in many fascinating 

biomedical applications. 

 

The present work attempted to link theory with clinical application and has targeted 

the leading contributor to cancer mortality in women aged 15-54: breast cancer. The purpose 

was two fold: First the theory had to be validated clinically and its performance should be 

evaluated. Second the contrast and physiology of breast tumors would be studied by 

resolving the hemoglobin concentration and saturation as well as the contrast agent uptake. 

In order to pursue this venue a diffuse optical tomographer based on the single-photon 

counting time correlated technique was developed and coupled to a Magnetic Resonance 

scanner to obtain simultaneous DOT-MRI examinations of the same breast under the same 

geometry and physiological conditions. Imaging of intrinsic contrast and of the distribution 

of contrast agents was performed with both modalities. The scheme offered the opportunity 

for a highly correlated study where the DOT findings could be compared against an 

established clinical imaging modality. Since all patients entered the study were also scheduled 

for biopsy, histopathological information was also available as the “Gold Standard” for the 

diagnostic performance. Besides the validation of DOT as a stand-alone imaging modality, 

the simultaneous examination pioneers a hybrid diagnostic modality where MR information 

and image-guided localized diffuse optical spectroscopy (DOS) information are concurrently 

available. In the present application the MR information is used to simplify the DOT 

problem and thus make possible the spectral quantification of selected structures in the 

tissue.  
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In the chapters that follow theory fundamentals, instrumentation and experimental 

specifics and clinical results are presented. Special attention has been given to imaging highly 

heterogeneous structures such as tissue with and without contrast agents. Issues pertaining 

to the experimental optimization of Diffuse Optical Tomography are presented. 

Furthermore the theory and experimental methodology for performing spectroscopy and 

image guided localized spectroscopy are presented. Chapter 2 presents the general 

motivation for developing alternative imaging methods for breast cancer detection and 

outlines the role and feasibility of the optical method.  Chapter 3 reviews the fundamentals 

of photon propagation in tissue and describes analytical solutions for performing 

spectroscopy and tomography. Chapter 4 presents methodologies for performing diffuse 

optical spectroscopy in tissues in the three light-source domains, namely the constant-

intensity domain, the modulated-intensity domain (frequency domain) and the pulsed-

intensity domain (time-domain). A sensitivity analysis employing realistic experimental 

uncertainties is given and robust fitting alternatives are presented.  Chapter 5 presents the 

methodology for performing tomography and image-guided localized spectroscopy. Chapter 
6 describes practical and experimental issues in performing tomography of tissue. The 

consequences arising from imaging optically heterogeneous structures such as the breast is 

outlined and algorithms for improving the performance of DOT are given. The work in this 

chapter was initiated when seeking an understanding of the original clinical results and 

ignited a better insight of the performance of DOT clinically, by verifying the findings and 

hypotheses with simulated data, and developing DOT improvements in an iterative manner. 

Chapter 7 reports on the development of the time-domain tomographer/spectrometer and 

gives the spectroscopic and tomographic performance evaluation of the instrument with 

laboratory measurements of breast like phantoms. Chapter 8 describes the clinical 

examination protocol and the tools developed for MR-DOT image coregistration and for 

coupling MRI and DOT in a hybrid modality. Chapter 9 describes and discusses the clinical 

results. Finally Chapter 10 concludes the findings and the experience of this work and 

points to future directions. 
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2 Breast cancer and the optical method 
 

 

 

 

 

 

This chapter briefly outlines the severity of breast cancer in our society, the need for 

alternative breast cancer diagnostic methods and the role that the optical method can play in 

preventing breast cancer. 

 

2.1 Increasing Sensitivity and Specificity in Breast Cancer Detection. 

 

It has been estimated that 1 out of every 9 women will develop breast cancer during 

her lifetime and approximately 30% of them will die of the disease [2,3]. 

The beneficial effect of screening mammography has been shown in several studies 

world-wide where 20%-50% reduction in breast cancer mortality with screening has been 

demonstrated [4,5,6,7,8,9,10]. In general, the smaller the lesion at the time of detection, the 

better the treatment efficiency [11,12]. Conversely, while mammography has clearly become 

the method of choice in the detection of early, clinically occult breast cancer, it has 
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limitations. First, of all the breast cancers, only an average of 88% are seen on 

mammography [13]. Secondly the positive predictive value PPV for mammographic 

screening ranges from 3% to 38%. The variability of PPV values reported in the literature 

depends on the patient age, on issues pertaining to how the study was performed and on the 

systematic screening follow-up of selected low suspicious lesions [14,15]. For an estimated 

150,000 new cases of breast cancer diagnosed employing biopsy each year and an average of 

20% true positive rate, approximately 750,000 breast biopsies will be performed to make 

these diagnoses. The lack of mammographic specificity subjects many women with benign 

breast disease to unnecessary biopsy. In fact, it has been estimated that the expense of 

biopsies is the major cost of screening mammography programs, accounting for 32.2%, 

slightly more than the cost of the mammograms themselves [16].  

 

Based on the mammographic performance it would be very advantageous to develop 

ways to decrease the number of benign breast biopsies, without compromising the ability to 

effectively screen for breast cancer. The introduction of needle biopsy in the form of 

stereotactic fine needle aspiration biopsy (FNAB) [17,18,19,20] and stereotactic core-needle 

biopsy (SCNB) [21,22] have received attention lately as alternatives to surgical biopsy.  The 

techniques are less invasive than surgical biopsy, cost effective and especially SCNB has an 

average reported false negative rate close to that of surgical biopsy (~5%) [23,24]. 

Nevertheless they remain invasive procedures requiring a skilled cyto-pathologist and lesion 

localization expertise. High-resolution ultrasound has gained interest during the last few 

years because it has shown ability to characterize some mammographically detected 

abnormalities by differentiating cysts from solid lesions. However, it is not generally 

considered a technique to characterize solid breast masses. CT scanning has not 

demonstrated any significant role in the evaluation of patients with suspicious breast lesions 

[25].  Magnetic Resonance Imaging (MRI) offers exciting potential for increased tissue 

characterization compared to other imaging modalities [26, 27, 28]. In this case cancers are 

differentiated mainly based on features extracted after the intravenous administration of 

Gadolinium chelates. Such features include architectural characteristics of the enhancement  

[29,30,31,32], the kinetics of the uptake and release of the contrast agent [33] and the relative 
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enhancement of lesions compared to background and other structures [29,31]. Reported 

sensitivity and specificity values average to 91% and 78% respectively [26,27]. Furthermore 

certain biochemical and physiological parameters, as investigated by Magnetic Resonance 

Spectroscopy (MRS), have shown the potential to add specificity in cancer characterization. 

Specifically the phosphocreatine / phospho-ethan-olamine peak in 31P-MRS [34,35,36,37] 

and the choline peak in 1H-MRS [37, 38] are generally increased in malignant lesions.  

 

This plethora of imaging and spectroscopic methods, offers the exciting potential to 

follow up the initial mammographic finding with a second diagnostic technique. The 

combination of different diagnostic modalities is necessary because so far, the reported ROC 

curves for the different non-invasive diagnostic techniques indicate that no single method 

would suffice alone to perform satisfactory breast cancer detection. It is anticipated that the 

combined results of multi-modality examinations would result in increased specificity. In that 

respect it would be beneficial to combine modalities that yield features that are disease-

predictive but not correlated to each other, since high correlation would indicate data 

redundancy.  

 

2.2 The role of the optical method in breast cancer detection. 

NIR methods offer novel criteria for cancer differentiation with the ability to in-vivo 

measure oxygenation and vascularization state, the uptake and release of contrast agents and 

organelle concentration in an economical and portable package. These properties are 

believed to be malignancy specific and may significantly contribute to increased specificity.  

 

Breast cancer, above a few millimeters in diameter, initiate very active angiogenesis, 

believed to be characteristic of all rapidly growing tumors [39,40]. The increase of blood 

vessels does nevertheless fail to deliver adequate oxygen to the tumor and thus most tumors 

are hypoxic [41]. Therefore the optical technique, with its unique ability to measure 

oxygenation state and blood volume content represents an excellent candidate for cancer 

diagnosis. The optical method, being a functional probe, offers a new dimension for tumor 
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differentiation that promises to offer enhanced detection specificity, especially when 

combined with the sensitivity and high resolution of existing imaging methods. 

 

Furthermore, the optical method affords access to “colorimetric” contrast agents 

where the organic chemistry and the feasibility of effective tailoring of substituents to afford 

high specificity can ultimately be studied. It has been pointed out [39, 42, 43] that 

neovascularization leads to leaky blood vessels that allows penetration of NIR contrast 

agents into the extravascular space and is expected to yield additional contrast between 

malignancy and other types of tissue. Indocyanine green (ICG) is the only known NIR-

absorbing dye with a high extinction coefficient that has been approved for human use, e.g.  

for studies of liver and cardiac function and angiography. There are however, many 

opportunities to develop better optical contrast agents that show high absorption and 

fluorescence and target functional features of tumors. Companies that are interested in NIR 

contrast agents are numerous, for example, Optimedx of Seattle, WA, Fuji Color of Japan, 

Malinckrodt Medical Products, Molecular Devices, Schering Berlin etc. It is expected that it 

will be an intense effort to convert many of the fluorescent probes used for cell and 

molecular biological studies to the NIR “window” to enable their use in tissues. Increased 

sensitivity and specificity may be achieved by the use of the old or new generation of probes.  

 

Recently a new class of biocompatible, optically quenched near infrared fluorescence 

(NIRF) imaging probes has been developed [44]. The NIRF probes are activated by 

proteolytic enzymes, which are usually at elevated levels in several tumors, presumably in 

adaptation to rapid cell cycling; removal of unnecessary regulatory proteins and for secretion 

to sustain invasion, metastasis formulation and angiogenesis. Recent studies [45] using the 

NIRF probes in cell cultures and mammary tumors implanted into nude mice, close to the 

surface, have demonstrated a 12-fold increase in tumor contrast, allowing the detection of 

sub-millimeter tumors. These probes overcome the limitations of traditional fluorescent 

contrast agents that may accentuate non-specific differences and yield a contrast that is 

typically less than 4:1. Advanced DOT technology and low noise detection systems can be 

used to reconstruct the accumulated NIRF probes in deep-seated sub-millimeter cancers and 
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yield highly sensitive early cancer detection modality. It is envisaged that molecular-level 

probing will lower the limits of early cancer detection since detection can occur before 

anatomic changes, usually detected by common radiologic techniques become apparent. 
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3 Theory of photon diffusion 
 

 

 

 

 

 

This chapter reviews the key points in the derivation of the diffusion equation and 

outlines the analytical solutions developed for homogeneous and heterogeneous media with 

simple boundary conditions. The purpose of this chapter is to serve as a reference for the 

developments described in Chapters 3-8. The review is primarily based on the publications 

by Haskel et. al.[53] , Patterson et.al.[50] on solutions of the diffusion equation in the 

presence of boundaries, on the theses of Maureen O’Leary [55] and David Boas [46] who 

studied and concisely described aspects of the propagation of diffuse photon density waves 

and tomographic principles for Diffuse Optical Tomography and on the book “Principles of 

Computerized Tomography” by Kak and Slaney. These theoretical treatments constitute the 

starting point for the work presented in this thesis and for this reason they received my main 

focus. Many other scientists have significantly contributed to the developments of the 

BioMedical Photon Diffusion field and some of their work is referenced in this and 

subsequent chapters.  
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Section 3.1 links the radiance with the photon fluence rate and flux in a diffuse 

homogeneous medium and illuminates the key steps and approximations that lead to the 

diffusion equation. Section 3.2 describes solutions derived for the homogeneous diffusion 

equation in the time and frequency domain. Section 3.3 outlines the effect of a diffuse non-

diffuse planar boundary on the propagation of diffuse photon density waves and discusses 

the partial current and extrapolated boundary condition and the corresponding solutions. 

Section 3.4 gives solutions for the homogeneous diffusion equation in the presence of 

boundaries. Section 3.5 assess the Born and Rytov solutions of the heterogeneous diffusion 

equation for diffuse media with spatially varying absorption, scattering or fluorescence 

properties. Finally section 3.6 indicates practical differences between the Born and Rytov 

approximation.  

 

3.1 From transport to diffusion 

The propagation of incoherent photons in a scattering and absorbing medium is 

described by the Boltzmann transport equation, i.e., 

 

∫∫ +′′⋅++−=⋅∇+
∂

∂
π

µµµ
4

),ˆ,(ˆ)ˆˆ(),ˆ,(),ˆ,()(ˆ),ˆ,(),ˆ,(1 tsrQsdssftsrLtsrLstsrL
t

tsrL
c ssa

rrrr
r

, ( 3-1) 

 

where ),ˆ,( tsrL r  is the radiance [W/(m2 sr)] at position rr , at time t, propagating along the unit 

vector ŝ .  The absorption coefficient aµ [cm-1] and the scattering coefficient sµ [cm-1] are the 

inverses of the absorption and scattering mean free paths respectively and c [cm/sec] is the 

speed of light in the medium. The function )ˆˆ( ssf ′⋅ is the probability density function (pdf) 

over all solid angles of the change in photon propagation direction from ŝ to s′ˆ due to an 

elastic scattering event. We have for any pdf, ∫∫ ′′⋅
π4

ˆ)ˆˆ( sdssf =1. ),ˆ,( tsrQ r [W/(m3 sr)] is the 

photon power injected per unit volume at position rr  along ŝ . 

 

Integration over all solid angles converts Eq.( 3-1) to a simpler form, i.e.: 
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),(),(),(),(1 trStrtrj
t

tr
c a

rrrr
r

+−=⋅∇+
∂

∂ φµφ , ( 3-2) 

 

where  

 

∫∫ Ω=
π

φ
4

),ˆ,(),( dtsrLtr rr , ( 3-3) 

 

is the photon fluence rate [W/cm2], 

 

∫∫ Ω=
π4

ˆ),ˆ,(),( dstsrLtrj rrr , ( 3-4) 

 

is the photon flux [W/cm2] and  

 

∫∫ Ω=
π4

),ˆ,(),( dtsrQtrS rr ,   ( 3-5) 

 

is the integrated source term [W/cm3]. 

 

Eq.(3-1) and subsequently Eq.(3-2) reflect energy conservation in the system. 

Mathematically, the use of this equation for tissue measurements imposes several practical 

limitations due to its integral-differential nature. Therefore approximations have been 

developed to convert the transport equation to more manageable but functional forms. A 

standard approach expands the radiance and source term in a series of spherical harmonics. 

Truncation of the series at N terms can simplify the transport equation and is denoted as the 

PN approximation. The simplest and most commonly used approximation is the first order 

P1 approximation where N=1. This approximation further reduces to the diffusion equation 

in a step-wise simplification sequence. This reduction effectively describes the limits of the 

diffusion approximation. Often, when some approximations do not hold, one has to 

backtrack in the derivation and retrieve a formulation that better describes his specific 
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problem. The relations between radiance, fluence rate and flux are fundamental in describing 

appropriate boundary conditions for realistic measurements. Here I outline the key steps 

within the P1 approximation that yield the diffusion equation. 

 

In the P1 approximation, the expansion of the radiance can be written as [53] 

strjtrtsrL ˆ),(
4
3),(

4
1),ˆ,( ⋅+= rrrr

π
φ

π
. ( 3-6) 

 

This approximation works well when scattering is much stronger than absorption. 

Eq.(3-6) expresses the radiance as the summation of the isotropic fluence rate ),( trrφ and a 

small directional photon flux. Additionally, in order to obtain the diffusion equation the 

source is assumed isotropic.  Under the P1 and diffusion approximations, the substitution of 

Eq.(3-6) into Eq.(3-1), subsequent multiplication by ŝ , and integration over all solid angles 

yields 

 

),(1),(),(3 trj
D

tr
t

trj
c

rrrrrr

−∇−=
∂

∂ φ , ( 3-7) 

where  

][3
1

])1[(3
1

asasg
D

µµµµ +′
=

+−
=  ( 3-8) 

 

is the diffusion coefficient, g is the anisotropy coefficient and expresses the average cosine of 

the scattering angle. For biological tissues g≈0.9, which indicates scattering in the forward 

direction. For isotropic scattering g=0. The reduced scattering coefficient sµ′  is a 

construction that approximates the diffusion of photons as an isotropic scattering 

phenomenon, even though each individual scattering event is primarily towards the forward 

direction. The reduced scattering coefficient is the reciprocal of the mean random-walk step, 

(i.e. the average distance a photon travels in tissue before its initial direction is randomized). 

Since Eq.(3-6) and subsequent derivations are valid under the assumption that as µµ >>′ the 
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dependence of the diffusion coefficient on the absorption coefficient is often dropped 

i.e., sD µ ′= 31 . 

 

The Fourier Transform of Eq.( 3-7) after rearrangement yields 

)(
3

)( r
Dic

cDrj rrrr φ
ω

∇
−

−= . ( 3-9) 

 

For most biological applications Dc ω3>>  for πω 2< GHz, so that  

 

)()( rDrj rrrr φ∇−≈ . ( 3-10) 

 

Combining Eq.(3-10) with the Fourier transform of Eq.(3-2) yields the frequency 

domain diffusion equation 

 

)()()()( 2 rSrrDr
c

i
a

rrrrr =+∇−− φµφφω . ( 3-11) 

 

Direct substitution of Eq.( 3-10) in Eq.( 3-2) yields the time-domain equivalent, i.e.: 

 

),(),(),(),(1 2 trStrtrD
t

tr
c a

rrrrr

=+∇−
∂

∂ φµφφ . ( 3-12) 

 

Eq.(3-11) and Eq.(3-12) have been derived for the fluence rate established in a 

homogeneous infinite medium with a spatially invariant diffusion coefficient D and 

absorption coefficient aµ  due to the disturbance of the photon source. It is also valid in the 

domains of any piecewise homogeneous media. 
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3.2 Solutions of the diffusion equation for homogeneous media. 

Solutions are easily derived for the diffusion equation in the time and frequency 

domain for a delta driving function in Eq.(3-12) and Eq.(3-11) respectively. The impulse 

response of an infinite diffuse medium has been given by Patterson et. al. [50]. i.e.: 

 

)
4

exp(
)4(

),(
2

2/3 ct
Dct

rr
cDt

ctrr a
s

s µ
π

φ −
−

−=− − . ( 3-13) 

 

In the frequency domain the diffusion equation can be written as a Helmholtz 

equation. If we further assume an intensity modulated point source )( srrδ  with gain A at 

position srr  Eq.(3-11) can be rewritten as 

D
r

Arrk s
s

)(
),(][ 22

r
rrr δφ −=+∇ , ( 3-14) 

where 

cD
ic

k a ωµ +−
=2 . ( 3-15) 

 

The solution of the Helmholtz equation (Eq.( 3-14)) is 

 

)exp(
4

)( s
s

s rrik
rrD

Arr rr
rr

rr
−−

−
=−

π
φ , ( 3-16) 

 

and describes a scalar, damped propagating wave, called the diffuse photon density wave at 

modulation frequency ω. The wave described by Eq.(3-16) is an “alternating intensity” wave, 

“carried” on a constant intensity photon distribution in the medium i.e. a constant intensity 

(zero-frequency) diffuse photon density wave. The two waves can be assumed linearly 

superimposed and practically separated by simple filtering. For ω=0 Eq.(3-16) yields the 

solution for a photon source of constant intensity. Use of photon waves at zero frequency 

(constant intensity) constitute the Constant Wave (CW) domain.  
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The solutions given by Eq.(3-13) and Eq.(3-16) describe the propagation of diffuse 

photon density waves in infinite homogeneous media and since they are derived for delta 

forcing functions they are usually referred to as the “Green’s functions” or “Green’s  

function solutions” for the diffusion equation in each corresponding domain. Solutions for 

more complicated photon sources can be derived by convolution of the photon source 

function and the corresponding Green’s function solution. These solutions however have 

restricted practical application in tissue measurements since tissue is hardly an infinite 

medium. In the following two sections the effect of boundaries on diffuse photon density 

wave propagation is examined and some common solutions in the presence of boundaries 

are given. 

 

3.3 Boundary effects. 

For non-invasive tissue measurements, we need solutions that account for the effect 

of the boundaries.  Here the derivation of boundary conditions for a diffuse/non-diffuse 

planar boundary (semi-infinite diffuse medium) such as a geometrically simplified air-tissue 

interface is reviewed. This fundamental formulation can be then applied to more 

complicated geometries either analytically or numerically.  

Photons that impinge on a boundary will be transmitted and reflected in a manner 

that depends on the properties of this interface (i.e. the optical properties of the media on 

both sides of the interface). The radiance Lb that will be reflected back from the boundary to 

the medium due to an incident radiance L is given by [47,48,49]: 

 

∫∫ >⋅
⋅=

0ˆˆ
ˆˆˆ)ˆ()ˆ(

zs Fresnelb sdzssLsRL , ( 3-17) 

 

where z)  is the unit vector normal to the boundary pointing outwards from the medium of 

interest as shown in Figure 3-1 and )ˆ(sRFresnel is the Fresnel reflection coefficient for light 

incident upon the boundary in a direction ŝ  from within the medium[53].  
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Figure 3-1: Configuration assumed in the calculation of the photon field detected from a 
diffuse non-diffuse interface  

 
If )(sin 1 nnoutc

−=θ is the critical angle for total internal reflection, θ is the angle of 

incidence from within the medium, (i.e. zs ˆˆcos ⋅=θ ), and θ ′  is the refracted angle outside the 

medium (i.e. θθ ′= sinsin outnn ), then the Fresnel reflection coefficient for unpolarized light is 
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( 3-18) 

 

Eq.( 3-16) can be simplified then as   
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The back reflected radiance Lb should be also given by integrating the radiance for all 

angles that 0ˆˆ <⋅ zs , using Eq.( 3-6), i.e. 

 

∫∫ <⋅
+=−⋅=

0ˆˆ 24
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z

b
jsdzssLL φ . ( 3-21) 

 

By combining Eq.( 3-18) with Eq.( 3-20) we obtain: 
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or 
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2 . ( 3-23) 

 

Eq.( 3-22) gives a relation between the flux and fluence rate in the boundary. Haskel 

et.al. [53] has noted that φzj ≈0.2 for the expected index of refraction mismatch at the 

boundary of tissue measurements the ratio. This relation is hardly in agreement with the 

diffusion approximation that requires φ<<zj  and its effect should be considered in the 

evaluation of results. Under this condition however the back-reflected radiance can be 

defined by means of a reflection coefficient Reff i.e. 
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3.4 Solutions of the diffusion equation in the presence of boundaries.  

Eq.( 3-23) gives a relation between the photon fluence rate and photon flux at the 

boundary and it is commonly referred to as the partial-current boundary condition. Using 

Eq.( 3-10)  we can find the equivalent of the partial boundary condition expressed for 

fluence rate only, i.e., 

 

zR
R

D
zR

R
D

eff

effj

∂
∂

−
+

=
∂
∂

−
+

−=
φφφ

φ 1
1

2
1
1

2 at z=0. ( 3-26) 

 

 

This is a mixed Dirichlet-Neuman boundary condition that can be applied directly to 

a numerical solution of the diffusion equation.  

 

For obtaining analytical solutions of the diffusion equation in the presence of a 

planar boundary a different approach is followed. The general strategy is to approximate the 

source term with a sum of isotropic point sources, using appropriate image sources and sinks 

to satisfy Eq.( 3-22) or Eq.(3-26) in the medium of interest using the principle of 

superposition. Two approaches have been reported yielding similar and most accurate 

results. The first approach assumes that the photons injected in the surface of a diffuse 

medium are effectively equivalent to an isotropic point source at a depth z0= sµ′1 (z=z0, 

ρ=0), i.e. at one mean random walk step under the surface, an image source located at zb 

above the boundary (z=-z0, ρ=0) and an exponentially decaying photon sink along z at z=-

z0, ρ=0, decaying exponentially away from the boundary at a rate exp( bzzz 0−− ), 0zz >   

as shown in Figure 3-2. The total strength of the photon sink equals the strength of the real 

and image source. 
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Figure 3-2: Partial boundary condition configuration (left) and extrapolated boundary 

condition configuration (right) 

 

 

This approach most closely matches the partial current boundary condition. 

However a simpler construction, the extrapolated boundary condition [50,51,52] offers 

implementation simplicity and reasonable accuracy. This second method assumes an 

isotropic point source at z=z0, ρ=0, and a point sink at z=-z0-2zb, ρ=0 (as also shown in 

Figure 3-2) where zb is given by 
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 Haskel et. al. [53] have shown that the partial-current and the extrapolated boundary 

conditions give solutions that are equal to within 3% at source detector distances larger than 
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~5 mm for tissue optical properties. Since the results between the two boundary conditions 

are very similar we will focus on solutions obtained using the extrapolated boundary 

condition because it results in simpler analytical expressions. The extrapolated boundary 

condition sets the fluence rate to zero at the extrapolated boundary, i.e. at z=-zb. This 

extrapolated boundary obviously depends on the scattering properties of the medium and 

the index of mismatch at the interface. Table 3-1 tabulates the extrapolated length for a 

physiological range of scattering coefficients and for an 1) air-tissue, 2) water-tissue and 3) 

resin-tissue interfaces.   

 

Table 3-1: Extrapolated depth (in cm) for combinations of index of refraction and 
reduced scattering coefficients. 

sµ′ (cm-1) 3 5 7 9 11 13 15 

0nn =1.00 0.222 0.133 0.095 0.074 0.060 0.051 0.044 

0nn =1.333 0.559 0.335 0.239 0.186 0.152 0.129 0.112 

0nn =1.400 0.570 0.342 0.244 0.190 0.155 0.131 0.114 

 

Using the diffuse photon density wave solution for the infinite case and applying the 

principle of superposition for the real and image sources we can reach simple analytical 

expressions for a planar boundary interface (reflectance geometry). For the coordinate 

system shown in Figure 2, and assuming a distance 02 zzz bc += , the time domain solution 

can be derived as a superposition of Eq.( 3-13) for the real and image sources, i.e., 
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where 

22
00 ρ+−= zzr , ( 3-29) 

22 ρ++= cc zzr . ( 3-30) 

 



 

 21

Using Eq.( 3-16) for the same coordinate system of Figure 2 we obtain the frequency 

domain reflectance solution, i.e.   
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The use of image sources can be used to describe analytically more complicated 

geometries. For example Patterson et. al. [50] have used the method of image sources to 

provide analytical solutions for the infinite slab, namely a diffuse medium that is confined 

between two infinite slabs as shown in Figure 3 (transmittance geometry). The methodology, 

as further described by Farell. et. al. [51] and others is to employ a series of dipoles (pairs of 

a positive and a negative source) that effectively set the flux to zero at the two extrapolated 

boundaries assumed for the two planar interfaces. For M number of dipoles (pairs of a 

positive and negative source) and a slab of thickness d, the analytical solution for 

transmittance geometry in the time domain is 
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floor(x) is the nearest integer of x towards minus infinity and dz <<0 . For M=1 Eq.(3-32) 

yields the solution derived for reflectance, namely Eq.(3-28). Similarly in the frequency 

domain the transmittance solution is 
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which for N=1 also reduces to Eq.( 3-31).  

 

Usually retaining only 4 pairs dipoles suffices to satisfy the boundary conditions for 

practical implementations [50], since the contributions of additional dipoles become very 

small.  The thicker the slab, the better this approximation performs. For thin slabs (of the 

order of 1cm or thinner) keeping additional dipoles may be necessary for improved accuracy. 

For media bounded by additional perpendicular planar interfaces, one could use the method 

of image sources to satisfy the boundary conditions. However for increased boundary 

complexity, numerical methods become the method of choice due to their ability to 

effectively model irregular boundaries.  

 

The solutions given for reflectance and transmittance, describe the photon fluence 

rate in the bounded media. For experimental measurements the component detected by a 

lens system or a fiber placed on the surface, is the radiance (Eq.(3-6)) emitted from the 

diffuse medium and integrated over the numerical aperture. Haskel et. al. [53] have shown 

that the detected signal for the extrapolated boundary condition is approximately 

proportional to the fluence rate. On the other hand, Kienle et.al. [54] has found that using 

both the fluence rate and the flux terms to model the detected signal gave better boundary 

models in the time domain and CW domain. He also noted that the extrapolated boundary 

formulation that retains the fluence rate and flux terms predicts better time-resolved profiles 

at early times (100-200 picoseconds) than the partial current boundary. Farell et.al. [51] has 

compared the extrapolated boundary condition with a boundary model that used an 

extended source, similar but not identical to the requirements of a partial current boundary 
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condition. Monte Carlo and experimental measurements demonstrated in that study that 

both models were predicting accurately the photon intensity of steady state diffuse 

reflectance for source-detector separations larger than 1 mean free path. The extrapolated 

boundary condition was found to outperform the extended source model even at source 

detector separations smaller than 1 mean free path.  

 

Generally, investigators agree that most boundary model differences occur close to 

the limits of the diffusion approximation, namely for source detector separations close or 

under a mean free path. In the time domain this also reflects to times shorter than ~100-200 

picoseconds where the photons considered have not had time to become diffuse. The 

present work is mainly concerned with human tissue measurements where these diffusion 

approximations limits are generally reached. Therefore it assumes the simpler of the 

solutions, namely the one suggested by Haskel et.al.[53] in considering the detected signal 

proportional to the fluence rate and the extrapolated boundary condition including 

corrections for index of refraction mismatch at the boundary. The discussion and the 

expressions derived in the following chapters implicitly carry this boundary model. However 

it is straightforward in most cases to adapt the methodology of the following chapters in 

smaller dimension problems by deriving Greens functions for the most appropriate 

boundary models given the geometrical constrictions of the specific problem.   

 

 

3.5 Solutions of the diffusion equation for heterogeneous media 

The discussion in sections 3.1-3.4 focused on homogeneous diffuse media, namely 

media where the diffusion coefficient was spatially invariant. Here we will focus on analytical 

solutions derived on the premise of heterogeneous media where the diffusion coefficient is 

spatially varying. The analysis will be performed in the frequency domain since the frequency 

decomposition leads to simpler analytical expressions. Data obtained in the time-domain can 

be effectively converted to the frequency domain using the Fourier Transform. We will 
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begin by noticing that if the diffusion coefficient has a spatial dependence, i.e. )(rDD r
= , the 

substitution of Eq.( 3-10) to Eq.( 3-2) (after taking the Fourier transform) yields: 

 

)()()()()( rSrrrDr
c

i
a

rrrrrrr =+∇∇−− φµφφω . ( 3-37) 

 

In general it is very difficult to derive analytical solutions for the general case of 

Eq.(3-37). The most common approach to solve the heterogeneous case is the perturbation 

method, which makes Eq.(3-37) linear by assuming that the medium’s heterogeneity can be 

described as small variations around a homogeneous background. The solutions further 

simplify in media where only the absorption or only the reduced scattering coefficient varies 

[55]. In the following we will outline the solutions for heterogeneous absorption, scattering 

and fluorescence.  

 

 

3.5.1 Solutions derived for absorptive heterogeneity 

The diffuse regime assumes that as µµ >>′ . When only absorption heterogeneity 

exists, sµ′  is constant, )(raa
rµµ = , and )(ras

rµµ >>′  so that sD µ′≈ 31 . Then Eq.(3-37) 

reduces to Eq.(3-11).  

Using perturbation theory, the absorption coefficient is divided into a background 

average component and a spatially varying component, i.e., 

 

)()( 0 rr aaa
rr δµµµ += . ( 3-38) 

 

We will assume that the driving function of Eq.(3-37) is an intensity-modulated point 

source at position srr with gain A, i.e. )()( srArS rr δ= . Then substitution of Eq.(3-38) to Eq.(3-

37) yields the heterogeneous diffusion equation for absorption variations, i.e. 
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0
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r δµ
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and D0 denotes the background, spatially invariant diffusion coefficient. 

 

The fluence rate )(rrφ in Eq.(3-39) contains contributions from both the 

homogeneous background medium with absorption coefficient 0aµ and from the distributed 

heterogeneity )(ra
rδµ . This field can be expanded appropriately as a superposition of the 0th 

order fluence rate due to 0aµ and higher order terms due to the heterogeneous distribution 

)(ra
rδµ . By keeping only the 0th and 1st order terms the problem effectively becomes linear 

and thus easy to solve. There are two common ways to perform this expansion; the Born 

and the Rytov expansions.  

 

The Born expansion. The Born expansion writes the total fluence rate or total field 

),( srr rrφ  as 

),(),(),( 0 sscss rrrrrr rrrrrr φφφ += , ( 3-41) 

 

where ),(0 srr rrφ , the incident field, is the field that would have been detected if no optical 

heterogeneity was present and ),( ssc rr rrφ , the scattered field, is the field attributed only to the 

heterogeneous optical distribution. Substitution of Eq.( 3-41) into Eq.(3-39) and subtraction 

of the homogeneous Helmholtz equation (Eq.( 3-14)) yields 

 

),()(),(][ 22
sssc rrrOrrk rrrrrr

φφ −=+∇ . ( 3-42) 

 

This scalar Helmholtz equation can not be solved for ),( ssc rr rrφ directly but a solution 

can be derived as a convolution of the driving function ),()( srrrO rrr φ− with the Green’s 
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function solution (Eq. (3-16)) for the homogeneous Helmholtz equation. It can be shown 

that for the scattered field ),( sdsc rr rrφ detected at position drr this convolution yields 

 

∫ −−=
V sdssdsc rdrrrOrrgrr rrrrrrrr ),()()(),( φφ . ( 3-43) 

 

Eq.(3-43) expresses the scattered field ),( sdsc rr rrφ as a function of the total field (i.e. 

),(),(0 sscs rrrr rrrr φφ + ) and therefore it still needs to be solved for ),( sdsc rr rrφ . The Born 

approximation simplifies Eq.(3-43)  when the scattered field is weak compared to the 

incident field, i.e.  

 

Born approximation :               ),(),( 0 sssc rrrr rrrr φφ << . ( 3-44) 

 

This is true in the case of weak perturbations.  Then   

 

),(),( 0 ss rrrr rrrr φφ ≈ . ( 3-45) 

 

In the Born approximation Eq.( 3-43) thus simplifies to  

 

∫ −−=
V sdsdsc rdrrrOrrgrr rrrrrrrr ),()()(),( 0φφ . ( 3-46) 

 

The Born approximation is a straightforward way to obtain a solution to the 

heterogeneous diffusion approximation. However it imposes many limitations both 

theoretically and experimentally. These limitations will be outlined in § 5.3.  

 

 

The Rytov expansion. A more effective solution is obtained using the Rytov expansion 

which write the total field as the sum of a homogeneous ),(0 srr rr
Φ  and heterogeneous or 

scattered ),( ssc rr rr
Φ  exponential complex phase respectively, i.e  
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)],(),(exp[),( 0 sscss rrrrrr rrrrrr Φ+Φ=φ , ( 3-47) 

 

where the incident field is 

)],(exp[),( 00 ss rrrr rrrr Φ=φ , ( 3-48) 

 

and the scattered field is 

 

)],(exp[),( sscssc rrrr rrrr Φ=φ . ( 3-49) 

 

The analysis to derive a solution similar to the Born solution has been described [56]. 

Substitution of Eq.( 3-47) into Eq.( 3-39) and subtraction of the homogeneous Helmholtz 

equation for the homogeneous field in Eq.( 3-48) yields the heterogeneous Helmholtz 

equation for the Rytov expansion, i.e. 

 

( ))()),((),(),(),(][ 2
00

22 rOrrrrrrrrk sscssscs
rrrrrrrrrrr

+Φ∇−=Φ+∇ φφ . ( 3-50) 

 

Eq.( 3-50) can be solved for ),( sdsc rr rr
Φ , which is the scattered complex phase 

detected at position drr , using again the Green’s function decomposition, i.e. 
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V ssscd
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rr
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rr
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2
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φ
. ( 3-51) 

 

Similarly to the Born derivation, Eq.( 3-51) expresses the scattered complex phase 

),( ssc rr rr
Φ as a function of the heterogeneous distribution and the divergence of the scattered 

complex phase. The Rytov approximation simplifies Eq.( 3-51) when the scattered complex 

phase is slowly varying. In this case we can assume that  

 



 

 28

Rytov approximation :                    ( ) )(),( 2 rOrr ssc
rrr <<∇φ . ( 3-52) 

 

Then the Rytov solution is 

 

∫ −−=Φ
V sd

sd
sdsc rdrrrOrrg

rr
rr rrrrrr

rr
rr ),()()(

),(
1),( 0

0
φ

φ
. ( 3-53) 

 

 

3.5.2 Solutions derived for scattering heterogeneity 

The derivation of solutions for heterogeneous scattering is similar to the derivation 

of solutions for absorbing heterogeneity. One of the implications however is that Eq.( 3-37) 

cannot be decomposed in a similar manner to the absorption heterogeneous case since 

scattering dominates the diffusion coefficient. Instead we assume that since as µµ >>′  it will 

also be that as r µµ >>′ )(
r so that  
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≈= , ( 3-54) 

 

where 0D is the average background diffusion coefficient and )(rD rδ is the heterogeneous 

distribution or perturbation around 0D . Again, the driving function of Eq.( 3-37) is assumed 

to be an intensity modulated point source at position srr  with gain A, i.e. )()( srArS rr δ= . 

Substituting Eq.( 3-54) into Eq.( 3-37) and rearranging the terms yields: 

 

)(),()(),()(),(][ 222
0 ssss rArrrDrrrDrrkD rrrrrrrrrrr

δφδφδφ −=∇+∇⋅∇++∇ . ( 3-55) 

 

In the Born regime the total field is similarly written as ),(),(),( 0 sscss rrrrrr rrrrrr φφφ += . 

Then substitution of the total field in Eq.( 3-55) and subtraction of the homogeneous 

Helmholtz equation yields: 
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),()(),()(),(][ 222
0 ssssc rrrDrrrDrrkD rrrrrrrrrrrr

φδφδφ ∇−∇⋅∇−=+∇ . ( 3-56) 

 

O’Leary has shown in her thesis [55] (Chapter 5 pp. 118-119) that the solution for 

the scattered field detected at drr can be written as  
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This solution is found using the Green’s decomposition for the driving function of 

Eq.( 3-56) and then the Green’s first identity followed by the Born approximation, 

 

In the Rytov approximation the total field is described by Eq.( 3-47). Then the 

solution for the scattered phase is given (O’Leary thesis, Chapter 5 pp.119-123) by:  
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Linear superposition of Eq.( 3-46) and Eq.( 3-57) under the Born approximation or 

Eq.( 3-53) and Eq.( 3-58) under the Rytov approximations can be used as solutions for 

media where both the absorption coefficient and the reduced scattering coefficient are 

varying. 

 

3.5.3 Solution derived for fluorescence heterogeneity. 

This subsection reviews the solution obtained for fluorophores of a single lifetime to 

complete the discussion of analytical perturbative solutions in diffuse media even though 

fluorescence has not been the main focus of this work. Several investigators have studied 

fluorescence imaging and tomography in the diffuse regime. The discussion here is based on 

the analysis by Li[57] and O’Leary [55] who have used the perturbation approach of the 
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diffusion equation for florescence waves to derive an analytical solution similar to those 

derived for absorption perturbations. In this analysis the fluorescent radiation is assumed to 

be well separated in energy from that of incident photons so we can safely ignore the 

possibility of the excitation of fluorophores by the fluorescent re-emission. Fluorophore and 

chromophore absorptions are treated separately and fluorophore–induced scattering 

changed are assumed negligible for notational simplicity (although the scattering effect can 

be easily incorporated). Absorption due to fluorophores can be treated as the sum of the 

chromophore absorption coefficient plus the fluorophore absorption coefficient.  

 

Let ),( trrφ be the established photon fluence rate in a homogeneous medium 

containing a weakly absorbing distribution of fluorophores. The fluorophores are going to 

be excited by this photon distribution and act as a secondary point source of fluorescent 

light. Treating fluorophores as two level quantum systems and ignoring saturation effects 

yields that the number of excited fluorophores ),( trN r , at position rr , obeys the following 

linear diffusion equation[ 57], 

 

)(),(),(),( rtNtrctrN
t

trN rrr
r

φσ ⋅⋅+⋅Γ−=
∂

∂ , ( 3-59) 

 

where Γ is the excited dye decay rate, γ⋅= ][)( FrNt
r  ,  is the concentration of the 

fluorophore F multiplied by the fluorescent yield γ at a position rr  and σ is the absorption 

cross section of the dye. We have also assumed that )()( rNrN t
rr

>> . For an intensity 

modulated point source at position srr , the Fourier Transform of Eq. ( 3-59)  yields  

 

)(),()()( rtNsrrcrNrNi rvrrr
⋅⋅⋅+⋅Γ−=− φσω . ( 3-60) 

 

Eq.( 3-60) can be solved for the rate of production of fluorescent photons )(rN r⋅Γ , 

i.e., 
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where τ=1/Γ is the fluorescent lifetime. Eq.( 3-61) is the strength of the fluorescence at 

position rr . Typically the fluorescence lifetime may also be spatially dependent but it is 

assumed otherwise here for simplicity. This secondary photon source will create fluorescence 

diffuse photon density waves that are propagating according to Eq.( 3-16) for the infinite 

medium case and subsequent solutions developed for the appropriate geometry. The 

detected fluorescence fluence rate at position drr will then be  

 

),()()( rdr
flgrNdrfl

vrrr ⋅⋅Γ=φ , ( 3-62) 

 

where the greens function superscript ‘fl’ denotes that the properties of the fluorescent 

diffuse waves are governed by the optical properties of the medium at the fluorescent 

wavelength. To calculate the total fluorescent signal from a homogeneous distribution of 

fluorophore, we integrate over all fluorophores, i.e.,  
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−= . ( 3-63) 

 
Eq.( 3-63) is very similar to Eq.( 3-46). Therefore fluorescence tomography can be 

treated virtually identically to absorption and scattering tomography described Chapter 5. 

 

 

3.6 A personal perspective on the Rytov and Born approximation 

 

The performance of the Born and Rytov approximation has been studied and 

compared in the past. Theoretically, the Born approximation requires that the scattered field 

is small compared to the incident field. The Rytov approximation on the other hand assumes 
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a slowly varying scattered field. For biomedical applications it is not intuitive to argue in 

favor of a specific approximation. Biological structures may exhibit a high absorption and 

scattering resulting in large magnitude scattered field or may have well defined borders 

resulting in large scattered-field spatial variations.  

Kak and Slaney [56] have addressed the issue of Rytov vs. Born and have shown that 

both approximations are valid for small objects and produce similar errors. For distributed 

or large heterogeneities the performance of the two approaches depends on the size, 

magnitude and spatial variation of the heterogeneity. However the Rytov approximation 

attains several experimental advantages as will be analytically described in §5.3. In this 

subsection I will elaborate on the similarity of the Born and Rytov solutions and the practical 

limit in which they are equivalent.  

Let us consider the Born and Rytov solutions obtained for absorptive perturbations, 

but the analysis in the following is independent of the type of heterogeneity and therefore is 

equally applied for any first order perturbative solution.  Dividing the Born solution       

(Eq.( 3-46)) by the incident field ),(0 sd rr rrφ  it yields the normalized Born solution  
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Using Eq.( 3-41), the left-hand side of Eq.( 3-64) can be written as the normalized 

Born scattered field nB
scφ , i.e. 
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I rewrite now the solution obtained for the Rytov field (Eq.( 3-53)) 

 

∫ −−=Φ
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. ( 3-66) 

 

Combing Eq.( 3-47) and Eq.( 3-48) the Rytov scattered field can be written as 
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0 sd

sd
sdsc rr

rrrr rr

rr
rr

φ
φ

=Φ . ( 3-67) 

 

The right hand side of the normalized Born and the Rytov solutions are identical. 

Therefore the scattered field predicted given a known heterogeneous distribution is exactly 

the same for both approximations!  

 

The left hand-side of the normalized Born and Rytov solutions are independent of 

the approximation used because it is the experimental measurement. The total field 

),( sd rr rrφ is the field measured from the heterogeneous medium. The homogeneous field 

),(0 sd rr rrφ is the field that would have been measured from the same medium if no 

heterogeneity was present and it is also determined using experimental measurements (either 

a direct measurement on a calibration medium or a similar experimental determination).  

 

For weak scattered fields ( ),( sd rr rrφ ≈ ),(0 sd rr rrφ ) the fields ),( sd
nB
sc rr rrφ  and 

),( sdsc rr rr
Φ are virtually equal. This can be seen by noting that for any small number ε, such 

that ε≈0 and any number a, such that a>> ε, it holds that 

 

a
aa

aa
a −−=−≈






 − )(ln εεε  for ε<<a. ( 3-68) 

 

Obviously the left-most part of Eq.( 3-68) corresponds to the Rytov formulation 

(Eq.( 3-67)) and the right-most part of Eq.( 3-68) corresponds to the normalized Born 

formulation (Eq.( 3-65)). Figure 3-3 plots the values ln((a - ε) /a) and ε/a as a function of ε 

assuming a=1. For ε values less than 0.1 very small differences can be observed between the 

two expressions plotted. Therefore the Rytov and the normalized Born solutions (and by 

extension the Born solution as well) are equivalent in this limit. As the scattered field 

increases (and so does ε) the left part of Eq.( 3-68) grows faster than the right part of Eq.( 

3-68). Therefore for a total field that deviates more than 10% from the homogeneous field 
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detected, an inverse solution based on the Rytov approximation is expected to produce a 

“higher” reconstructed value since it divides a larger number than the Born solution 

(normalized or not). 

 

Therefore the difference in performance between the Rytov and Born solutions is 

not related with the approximations employed per se, namely with the physics of the 

problem, but with the way each of the solutions treats (normalizes) the experimental 

measurements. The approximations in the physics, assumed in the derivation of each of the 

solutions, are included in the integral of Eq.( 3-64) and Eq.( 3-66) and further affect the 

accuracy of the results obtained as described by Kak and Slaney [56] and briefly in the 

beginning of this subsection. 

 

 

 

 

 

 

 

 

 

 

 

Figure 3-3: Rytov vs. normalized Born vector as a function of the field perturbation.  

(see text above for details) 
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4 Diffuse Optical Spectroscopy. 
 

 

 

 

 

 

Optical spectroscopy of non-diffuse media is a fundamental tool of the medical 

sciences and has been used for more than a century to study suspensions of cells, organelles 

and tissue elements in general [1]. The technique measures the attenuation of constant 

intensity light as a function of wavelength and relates it to the presence and concentration of 

absorbers with known absorption spectra. On the other hand, the use of light attenuation 

measurements to study tissue in vitro or in-vivo is limited by the highly scattering nature of the 

cellular structures. The direct relation between chromophore concentration and light 

attenuation that is used in the typical photospectrometer (via the Beer-Lambert’s law) cannot 

apply in the study of diffuse media: both scattering and absorption attenuates light. 

Therefore light attenuation cannot characterize tissue absorption and scattering 

independently.  
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Diffuse Optical Spectroscopy (DOS) was developed at the end of the 80’s to address 

the implications arising from the high scattering tissue nature and relied on two 

breakthroughs:  

 

The first was the development of photon diffusion theory. Solutions of the diffusion 

equation for the appropriate geometry provided the tools to quantitatively describe the 

photon propagation in tissues. These solutions can be inverted or fitted to the experimental 

data to obtain tissue optical properties.  

The second was the use of advanced source and detection technology to overcome 

the limitations of intensity attenuation measurements, which provide one piece of 

information for a problem that has (at least) two unknowns: the absorption coefficient and 

the reduced scattering coefficient. Intensity modulation light or picosecond or femtosecond 

photon pulses were employed and offered higher information content. The intensity 

modulation technique provides at least two pieces of information (amplitude attenuation and 

phase delay) when performed at a single frequency. The photon pulse technique is equivalent 

to intensity modulation measurements at multiple frequencies via the Fourier transform and 

yields superior information content. Other approaches to achieve higher information 

content or more accurate instrument calibration rely on light measurements as a function of 

position [79]. Instrument complexity generally scales with the source information content.    

  

In general, spectroscopic techniques assume that the medium of interest is 

homogeneous and therefore they measure optical properties averaged over the whole tissue 

volume. Hence, in general, spectroscopy requires simpler instrumentation and mathematical 

tools than tomography. For this reason, spectroscopy propagates in clinical applications 

much faster than imaging. This was certainly true for Diffuse Optical Spectroscopy (DOS) in 

the NIR. Diffuse Optical Spectroscopy is the most widely used technology that employs 

diffuse photons in clinical applications [58,59]. The technique has primarily targeted oxy- and 

deoxy-hemoglobin [60,61] to provide a quantitative assessment of tissue oxygenation 

(oximetry) and hemoglobin concentration [62,63]. In contrast to the pulse oximeter, DOS 

probes blood in the vascular bed, primarily in the capillaries, arterioles and venules. 
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Therefore it directly relates to tissue function [64, 65]. Furthermore it provides quantitative 

measures of oxy- and deoxy- hemoglobin independently.  Applied to muscle the technique 

also probes myoglobin concentrations [66]. Several other tissue pigments or components 

have been considered as targets including cytochrome oxidase states [67] and glucose [68].  

 

An inherent characteristic of spectroscopy in general and Diffuse Optical 

Spectroscopy in particular, is that it uses the “bulk” measurement to derive average tissue 

optical properties. By contrast, imaging with Diffuse Optical Tomography uses “differences” 

or “perturbations” carried on this bulk photon information. Therefore DOS by construction 

operates on a much higher signal-to-noise ratio than DOT. Hence it is virtually impossible to 

make a tomographic system work reliably if any single source-detector pair of this system 

cannot perform accurate spectroscopic measurements of the tissue average optical 

properties. Validating the spectroscopic performance of a system is a basic check that the 

hardware works and that there is cogency between the theoretical model used and the 

experimental set-up. Of course I can think of experimental uncertainties that affect the 

absolute DOS measurements more than the relative DOT measurements and I will discuss 

this issue in this chapter. But there is another fundamental reason to validate the 

spectroscopic capacity of any imager. The average optical properties of the diffuse medium 

are an integral part of the tomographic problem as will be discussed in detail in Chapter 5. 

Hence, accurate determination of the tissue absorption and reduced scattering coefficient is 

important; it enables one to calculate the photon propagation paths in that particular 

medium and thus improve the accuracy of the tomographic analysis. Therefore although the 

work in this thesis has a focus on Tomography, DOS was an integral part of DOT.  

 

In this chapter the basic DOS principles are discussed and methodologies developed 

to quantify the absorption coefficient the reduced scattering coefficient and the absorption 

coefficient changes are presented. Although the instrument used in this work was a time-

domain instrument (see Chapter 7), all three major experimental techniques, namely the 

continuous intensity DOS, the intensity modulated (frequency domain) DOS and the pulsed 

intensity (time-domain) DOS are presented, with the latter receiving the higher attention. 
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Section 4.1 focuses on intensity modulated DOS and presents the basic principles for 

quantifying tissue optical properties. Experimental issues regarding instrument and technique 

calibration are discussed. A method for self-calibration based on intensity and phase is 

presented and a sensitivity analysis for deriving the hemoglobin concentration and saturation 

using the self-calibrated method is performed. Section 4.2 presents the constant intensity 

DOS as a subcategory of the intensity modulated DOS where the modulation frequency is 

zero. Section 4.3 presents the basic principles of time-domain DOS and deals with the time-

domain data deconvolution and fitting in order to extract the optical properties of diffuse 

media. Section 4.4 presents a sensitivity analysis of time-domain DOS with respect to 

common experimental uncertainties. Finally Section 4.5 presents a method that can very 

accurately quantify absorption changes, based on the integration of time-resolved data.  This 

technique was used to measure the average absorption increase of the breast as a function of 

time due to the administration of the NIR contrast agent Indocyanine Green (see Chapter 

9). The method yielded a quantification accuracy of differential absorption coefficient 

measurements of the order of 10-3 cm-2.  

 

4.1 Intensity-modulated DOS and experimental calibration. 

 

Here I discuss issues pertaining to applying diffusion theory to experimental 

measurements of diffuse photon density waves for obtaining quantified measurements of 

tissue optical properties. It will become apparent that instrument calibration is a very 

important factor in quantification. A method to obtain the absorption coefficient without 

instrument calibration is presented, as it may lead to practical clinical instruments in certain 

applications. 

     

4.1.1 Calculation of optical properties 

Intensity modulation NIR spectroscopy lies in a balanced position between 

instrumentation complexity and information content. Therefore it has been selected by 

several investigators to extract tissue chromophore concentrations [69] and to correlate them 
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with physiological parameters [70,71]. The technique measures the amplitude attenuation 

and phase shift of a diffuse photon density wave propagating into the highly scattering 

medium, relative to the amplitude and phase of the photon field injected into the medium. 

This measurement derives the medium optical properties using a solution of the diffusion 

equation with the appropriate boundary conditions [72,73,74,75,76] as outlined in chapter 3. 

These solutions predict the amplitude and phase of the photon wave at the detection site 

and depend on the initial parameters of the photon source, on the source-detector 

separation, the frequency of the wave, the absorption and reduced scattering coefficients of 

the medium and its index of refraction.  

 

Let ),,,,( fcnsa ρµµφ ′ be the photon fluence rate measured at a site of distance ρ away 

from a photon source modulated at frequency f (see Eq.( 3-16) for infinite medium and 

subsequent solutions in the presence of boundaries in §3.4). We use the fluence rate since it 

is proportional to the detected signal for the applications considered in this work as outlined 

in §3.3 and §3.4. However the following discussion applies to other boundary formulations 

as well, for example when a combination of both the fluence rate and the flux are 

considered. For a medium with an absorption coefficient aµ , a reduced scattering coefficient 

sµ′ and a refractive index n (so that the speed of light propagation is cn) the photon fluence 

rate can be decomposed in a logarithmic amplitude )(uA  and a phase )(uP measurement, i.e 

 






 +⋅= 22

0 )])((Im[)])((Re[log)( uuAuA φφ , ( 4-1) 

and 

0

0

)](Re[
)](Im[arctan180)( P

u
uuP +⋅=

φ
φ

π
, ( 4-2) 

 

where ],,,,[ fcu nsa ρµµ ′≡ is the vector of parameters, A0 is the amplitude gain factor and P0 

is the initial phase. A0 incorporates the amplitude of the photon field injected into the 

medium and the instrument gain. P0 is the summation of the initial phase of the photon field 

injected into the medium and the phase delay introduced by instrument fibers and electronic 
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components of the detection system. If the light source-detector separation, modulation 

frequency and index of refraction of the tissue are known, and assuming that the instrument-

specific parameters A0, P0 can be determined, a system of two equations for phase and 

amplitude and two unknowns ( sa µµ ′, ) can be constructed and solved numerically for 

determination of the medium optical properties.  

 

4.1.2 Experimental calibration 

In practice, the direct measurement of the amplitude of the incident wave, by 

abutting the source and detector fibers using appropriate attenuation, imposes experimental 

complexity. Furthermore the uncertainty on the exact gain used and signal loss due to the 

abutting, may affect the accuracy of the calculation. Similarly, measurement of the incident 

wave phase by abutting the source and detector fibers after light attenuation introduces 

experimental uncertainties such as amplitude-phase cross-talk errors [77,78]. In order to 

avoid measurement of the absolute initial amplitude and phase, many investigators have 

described methods to account for the instrument induced phase delay. Fantini et. al.[79,80] 

have devised a multi-separation measurement to cancel out the instrument initial phase and 

calculate the optical properties of the volume under investigation from the slope of 

amplitude and phase with varying source-detector distance. Sevick et. al. have proposed 

phase calibration on a phantom with known optical properties [60]. For example if u ′ is the 

medium of known optical properties (calibration medium), we can obtain a differential 

measurement of amplitude and phase, i.e. 
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The factors A0, P0  have been eliminated from Eq.( 4-1) and Eq.( 4-2). Assuming that the 

source-detector separation, the modulation frequency and the index of refraction are known, 

Eq.( 4-3) and Eq.( 4-4) can be again fitted for the unknown optical properties of medium u.   

 

4.1.3 Self-calibration with diffuse photon density wave differentials 

More recently, Kohl et. al [81,82] have reported an adept way to calculate the 

absorption coefficient when there are physiological or induced changes in light absorption, 

for continuous light and for modulation-depth and phase measurements. The technique is 

independent of the initial instrument gain and phase (A0, P0 ) and of a background 

“calibration” medium u ′ . The technique requires premise of the background reduced 

scattering coefficient but is quite insensitive to the actual value of this coefficient.  Moreover, 

one single light source and a single detector are sufficient. Conversely the technique is 

sensitive to measurement noise. Here I discuss a variation of the method suggested by Kohl 

et. al. that uses the intensity and phase of diffuse photon density-waves. I will discuss the 

theory and show a sensitivity analysis for determining the hemoglobin concentration and 

saturation.  

 

Under certain physiological assumptions the determination of u ′ can be significantly 

simplified. Let us assume tissue measurements at a known modulation frequency and source 

detector separation. We also assume that the index of refraction and the reduced scattering 

coefficient of the medium are assumed constant and known. Under these premises the 

problem  depends only on the absorption coefficient. For an absorption coefficient change 

from 1aµ to 2aµ  = 1aµ  + aµ∆ , the amplitude difference ),( uuA ′∆  can be simply written as 

)()(),( 2121 aaaa AAA µµµµ −=∆  and similarly the phase difference ),( uuP ′∆  as 

)()(),( 2121 aaaa PPP µµµµ −=∆ . Assuming that 0→∆ aµ , these differences become 

differentials. The ratio of the amplitude differential dA to the phase differential dP , namely 

 



 

 42

),(
),(

11

11

aaa

aaa
ac ddP

ddA
Q

µµµ
µµµ

+
+

= , ( 4-5) 

 

can be used to derive the absolute absorption coefficient of the medium. Figure 4-1 depicts 

the Qac for reflectance geometry, as a function of a physiologically relevant aµ range in the 

NIR, plotted for different sµ′  values. The plot has been constructed for a source-detector 

separation of 3 cm, index of refraction n=1.333 and a adµ value arbitrarily chosen to be 10-4 

cm-1. Qac is continuous and is monotonously increasing with aµ in a virtually linear trend. This 

illustrates that for every small absorption change around a background aµ  there is always a 

Qac value that uniquely identifies this aµ  given the background sµ′ . Moreover Figure 4-1 

depicts that this aµ  identification is relatively insensitive to the exact value of the 

background sµ′  value. For a sµ′  uncertainty of ± 5 cm-1 the expected error in aµ  does not 

exceed ± 0.005 cm-1.  

 

Figure 4-1: The Qac ratio as a function of the absorption coefficient for four different 

scattering backgrounds and a source-detector distance of 3 cm. 
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Figure 4-2: The Qac ratio as a function of the index of refraction for four different indices of 

refraction. 

 

 

Similarly, figure 4-2 depicts even lower sensitivity to index of refraction uncertainty. 

The resulting aµ error due to the sµ′  assumption error is approximately 103 times lower than 

the sµ′  deviation from its actual value. 

 
The Qac versus aµ  relationship described by Eq.( 4-5) may be employed to construct 

a lookup table or can be approximated with a polynomial, and subsequently used to calculate 

aµ  values during absorption changes, using sµ′  estimates. Besides its independence on A0 

and P0, Qac is also insensitive to amplitude and phase instrument drift during long 

experiments since it depends only on virtually instantaneous temporal events. Conversely, 

since it is a ratio of two quantities, Qac is unstable when the denominator (i.e. the phase 

difference) becomes so small that is comparable to, or significantly affected by background 

noise.  
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For measurements that extend over a period of time, the method presented above 

can be used to estimate the absorption coefficient at selected points where maximum signal 

changes occur and favorable signal-to-noise conditions exist. Then the calculated aµ and 

assumed sµ′ and cn values can be used, in conjunction with the known ρ and f parameters, to 

determine u ′ in Eq.(4-3) and Eq.(4-4) at the selected time points. Consecutively the 

corresponding optical properties of the tissue during the measurement period can be 

obtained employing a numerical solution of Eq.(4-3) and Eq.(4-4). These calculated optical 

properties carry the errors, introduced by the assumption of sµ′ , cn and the calculation of 

aµ used in the determination of vector u ′ . As will be shown in the following sub-section, the 

use of the method in the clinical environment is justified since blood saturation and 

hemoglobin concentration calculations are fairly insensitive to assumptions of sµ′ and cn.  

 

4.1.4 Sensitivity analysis 

The method presented in the previous sub-section offers a great experimental 

simplification since it is independent of initial phase and amplitude calibration. However it 

requires the assumption of the background reduced scattering coefficient sµ′ . In this sub-

section, the error introduced in the calculation of saturation and hemoglobin concentration 

is assessed as a function of the deviation of the assumed sµ′  from the real background value. 

A semi-infinite homogeneous medium is assumed. The medium undergoes a linear increase 

of blood oxygen saturation (Y) from 5% to 100% and a corresponding arbitrary linear 

hemoglobin concentration (H) change from 60 to 100 µM, as shown in Figure 4-3b and 

Figure 4-3 a respectively. A set of 20 equally spaced Y and H values is employed, to cover 

the range under investigation. For each point of the set the absorption coefficient of the 

medium was calculated assuming only two chromophores, i.e. 

 
][][ 202 HBOHB HBHBa

λλλ εεµ +⋅= , ( 4-6) 
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where [HB]=H⋅(1-Y) and [HBO2]= H⋅Y  are the concentrations of deoxy- and oxy- 

hemoglobin respectively and λλ εε 02, HBHB are the extinction coefficients of deoxy- and oxy 

hemoglobin at wavelength λ. The absorption coefficient was calculated at two wavelengths 

λ1=750nm and λ2=780nm. Eq.(3-31)  was used with the calculated 21 , λλ µµ aa values to simulate 

the corresponding amplitude and phase values assuming sµ′ =10cm-1, n=1.333, f=200MHz 

and ρ=3 cm. Also in order to incorporate Eq.(4-5) into the analysis a small absorption 

change was induced around the middle point of the Y-H set (∆µa=10-4 cm-1). Eq.(3-31) was 

again employed to assess the corresponding amplitude and phase changes. 

 

After the calculation of the forward problem, namely the calculation of the 

amplitude and the phase for the different points of the Y-H set, Eq.(4-3), Eq.(4-4) and 

Eq.(4-5) were employed to back-calculate 21 , λλ µµ aa  assuming sµ′  values ranging between 5 

cm-1 and 15 cm-1. For each sµ′  value a look-up table was constructed based on the Qac ratio 

and estimated the absorption coefficient of the middle point of the Y-H set, for the data 

obtained due to the small absorption change. This point was subsequently used to normalize 

the measurement as in Eq.(4-3) and Eq.(4-4). Minimization was based on the Nelder-Mead 

simplex search [83], provided within the Matlab software package (MathWorks, MA USA) to 

minimize Eq.(4-3) and Eq.(4-4) in the least squares sense, for the different sµ′  estimates. The 

back-calculated 21 , λλ µµ aa values were substituted in a system created using Eq.(4-6) at λ1, λ2 

which after being solved analytically provided [HB]c and [HbO2]c and hence Yc and Hc 

values. The subscript ‘c’ denotes that these are back-calculated values. Figure 4-3a and b also 

plot Hc and Yc calculated for an overestimation of sµ ′  by 3 cm-1. The error of the 

calculation increases away from the calibration point. 
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Figure 4-3: Hemoglobin concentration (H) and blood saturation (Y) for 20 selected values 

used in the forward problem for µs’ = 10cm-1 and the corresponding back-calculated values 

(Hc, Yc) for an overestimation of the reduced scattering coefficient by 3cm-1. 

 

Figure 4-4a depicts the average normalized error ΕH between H and Hc and Figure 

4-4b depicts the average normalized error  ΕY between Y and Yc, as a function of sµ′  

deviation from the value used to simulate the forward problem ( sµ′ =10cm-1).  The ΕH and 

ΕY values are calculated for all points of the set as 
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where Hmax, Hmin is the maximum and minimum values of the H range , namely 100mM and 

60mM. There is no need to normalize the ΕY since the full Y range was included in the 

calculation. Generally, an overestimation of the reduced scattering coefficient results in 

smaller errors than an underestimation by the same amount. Moreover the hemoglobin 

0 8 12 16

55
60
65
70
75
80
85
90
95

100
Hemoglobin Concentration H

Hc (calc. µs=13cm-1)
H  (simul. µs=10cm-1)

(µM)

4 20

(a)

point simulated
0 4 8 12 16 20

0
0.1
0.2
0.3
0.4
0.5
0.6
0.7
0.8
0.9

1
Saturation Yx100%

point simulated

Yc (calc. µs=13cm-1)
Y  (simul. µs=10cm-1)

(b)



 

 47

concentration calculation appears more sensitive to the approximations of the method than 

the saturation calculation. For sµ′  overestimation, ΕY scales approximately as 1%/cm-1. The 

corresponding rate for ΕH is ~2%/cm-1. Since ΕY and ΕH are average values for the full 

saturation range (5-100%), the rates estimated are expected to be the upper limit of the 

expected errors in real measurements where saturation variations rarely exceed half of this 

range. Therefore sensible accuracy in calculating blood saturation is predicted and reasonable 

hemoglobin concentration quantification is expected when using the Qac method. 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 4-4: Sensitivity of the hemoglobin concentration and blood saturation calculation to 

the assumption of the background reduced scattering coefficient. c) average error in back-

calculating hemoglobin concentration and d) blood saturation as a function of the difference 

of the reduced scattering coefficient used in the forward problem and the one assumed 

during the inversion. 

 

We note that the relative insensitivity of the saturation to the method is because the 
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In Chapter 6 we will show that the saturation calculation is more sensitive to random noise, 

therefore this sensitivity analysis is not valid for low signal-to-noise measurements. 

 

We could further apply a methodology to estimate the goodness of the reduced 

scattering coefficient guess and consequently improve it by iteration. This methodology is 

based on the fact that the saturation calculation error does not depend linearly on the 

deviation of the assumed reduced scattering coefficient from the real value. Therefore when 

a blind guess of scattering coefficient is required, the saturation calculation can be done 

twice, using two adjacent sµ′ estimates. If the resulting difference between the calculated 

saturation at the two different sµ′  values has a rate that deviates from the predicted 1%/cm-1, 

shown in the sensitivity analysis, it means that the calculation has not been done at optimum 

background sµ′  selection. The procedure can be repeated until this theoretical rate is reached 

(within the region of physiologically relevant reduced scattering coefficients). 

 

4.2 Constant Wave DOS and experimental calibration. 

The simplest form of Diffuse Optical Spectroscopy is the CW-DOS. Here light of 

constant intensity is injected into the medium, and its attenuation through the medium is 

measured at a distance ρ. The limitation of this technique was outlined in the introduction of 

this chapter. Since only one piece of information is available, one can at most solve for one 

unknown, therefore the method is not well suited for resolving both the absorption and the 

scattering properties of diffuse media. Experimentally however the technique is 

technologically simple so that it still becomes attractive for specific applications, for example 

when only the absorption coefficient is to be measured, in a medium with known and 

invariant reduced scattering coefficient. This could be true when measuring the 

concentration of injected contrast agents into tissue.  

 

The methodology and calibration issues that were outlined in the previous section 

are similarly applied here. Since no phase measurement exists, only amplitude calibration is 

required. A differential measurement using two media u and u ′ can now be written 
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Here )(uφ is the photon fluence rate measured at a distance ρ away from a photon 

source, for photons that have propagated in a medium with an absorption coefficient aµ , a 

reduced scattering coefficient sµ′  and a refractive index n so that the speed of light 

propagation is cn. According to Eq.( 3-15) the wave propagation vector for zero modulation 

frequency is  

sa
a

D
k µµµ ′−=

−
= 32 . ( 4-10) 

 

If sµ ′ in both media is known, then Eq.( 4-9) can be solved for aµ and vice-versa. 

 

Nichols et. al. [84] have shown that in certain cases where measurements are 

performed as a function of distance, starting very close to the source position (less than a 

mean free path), the amplitude measurement at multiple distances can be fitted for both the 

absorption and reduced scattering coefficient. This method is based on the fact that close to 

the source, the detected field becomes sensitive to the depth at which photons initially 

become diffuse. This depth is a function of the scattering coefficient only. Therefore the 

absorption and reduced scattering coefficient become independent. 

 

4.3 Time-domain DOS. 

Time resolved spectroscopy was the main focus of this work and will be discussed in 

more detail. In this section I present the general methodology of extracting tissue optical 

properties based on fits of the time-resolved data and discuss several experimental factors 

that affect the quantification accuracy. In the following sections I will present a sensitivity 

analysis relevant to the most common experimental uncertainties and a new method to 
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quantify absorption changes with much higher accuracy than the one achieved by fitting 

time-resolved curves. 

4.3.1 Calculation of optical properties 

Figure 4-5 shows a typical time resolved measurement through a diffuse medium. 

The pulse with a center at t=t0 was the incident photon pulse. The parameters of the 

measurement were ρ=5cm, sµ′ =5cm-1 and aµ =0.05cm-1. The time resolved curve is a 

histogram of photon pathlengths into tissue. Data analysis methods commonly used to 

quantify absolute optical properties include fitting the shape of time-resolved experimental 

curves, or selected parts of them to appropriate solutions of the diffusion equation. Another 

measure related to optical properties is the integrated photon fluence rate. This measure is 

equivalent to a CW measurement, offering low information content. In principle this 

measurement could be combined with the general curve fitting to restrict the fitting process. 

It is not usually considered in calculations however, due to the experimental difficulty of 

accurately determining the number of incident photons injected into the medium during the 

measurement.  

 

 

 

 

 

 

 

 

 

 

Figure 4-5. Typical time resolved measurement s(t) and instrument impulse response h(t). 
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4.3.2 Deconvolution and Data fitting  

As a result of the finite duration of the laser photon pulses, the photon dispersion 

along the fibers and the photo-electron spreading in the detector, the measured signal s(t) is a 

convolution of a “real” signal r(t) and the finite impulse response of the instrument h(t), i.e. 
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( 4-11) 

 

In order to obtain absolute tissue optical properties we need to correct for 

instrumental response. The simplest deconvolution operation is the linear frequency domain 

method that takes advantage of the simplicity of the convolution theorem: 
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fH
fSfR = , ( 4-12) 

 

where R(f), S(f), H(f) are the Fourier Transforms of the signals r(t), s(t) and h(t) respectively. 

The inverse Fourier Transform of R(f) yields the desired r(t) signal. Unfortunately, except in 

certain cases where extremely favorable signal-to-noise ratios are available, the Inverse 

Fourier Transform of Eq.(4-12) is severely degraded by measurement noise even when 

matched filtering is performed [85].  

 

Under these circumstances improved behavior can be obtained by numerical 

methods in the time domain. Jannson [85] has suggested an efficient and accurate iterative 

technique, which is a modification on an original suggestion by Van Gitter given by 

 

rn = rn-1 + a(rn-1)(s - rn-1⊗ h), ( 4-13) 
 

where the subscript n denotes the iteration step. The time dependence r(t), s(t) and h(t) is 

implied but not explicitly written. The first guess for r is typically s. Both conversion time 

and accuracy depend on the selection of the quantity a,  which depends on the amplitude of 

rn-1, and it is assigned empirically [85] for specific applications. Proper a structure helps 
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eliminate non-physical solutions produced by the linear Van Gitter method (where a equals 

1). One of the great advantages of these linear and non-linear numerical methods is that they 

convert a deconvolution to a convolution operation. Convolution is an easily manipulated 

operation, and in the case of the linear methods it acts as a low pass filter reducing noise. 

Eq.(4-13) however requires careful implementation to ensure convergence and optimum 

results. The deconvolved result, after n iterations, can be fitted with the solution of the 

diffusion equation that best represents the boundary conditions of the measurement. Other 

deconvolution methods based on the maximum likelihood estimates of the spectra have also 

been proposed [86]. The existence of a large number of deconvolution methods exemplifies 

the complexity of the operation and the need for application specific algorithms to ensure 

best performance.  

 

When the quantification of absolute optical properties is in quest, there is no need to 

independently deconvolve and then fit the time-resolved curve. For fitting purposes a 

standard non-linear fitting procedure (such as the Levenberg-Marquardt method) can be 

employed to fit the data to the appropriate solution of the diffusion equation in the least 

squares sense. In practice efficient calculations are achieved by directly fitting the 

measurements to the convolution of the appropriate diffusion equation solution with the 

instrument’s impulse response, namely minimizing the function 
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where ],,,,[ 0tcu nsa ρµµ ′≡  is the vector of free parameters, A0 is the gain factor, y*=h⊗y is 

the convolution of the instrument impulse response h=h(t) with the solution of the diffusion 

equation solution φ=φ(t,u) calculated for the appropriate boundary condition and the vector 

u. The parameter k is the discrete time variable, [K1,K2] is the time interval of the fit, s(k,u) 

is the measured time-resolved curve and σk=[s(k)]1/2 is the measurement error (standard 

deviation) of the kth data point. This procedure is theoretically equivalent to performing a 

deconvolution step followed by data fitting, but offers implementation and performance 
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advantages. Nevertheless in order to decompose the effect of various experimental 

uncertainties and help the discussion, it may prove useful in the following sections to 

consider the deconvolution and data fitting as two independent steps. 

 

4.3.3 Data fitting considerations 

The selection of the time interval [K1,K2] plays an important role in the 

quantification of optical properties. It is demonstrated in the sensitivity analysis at the 

following sub-section that the selection of this interval has a prominent effect on the 

quantification accuracy. Additionally the selection of the free parameters plays an important 

role in the quantification accuracy. In principle the parameters A0, ρ and t0 can be assumed 

a-priori knowledge and not included in the fitting process to restrict the fitting process. 

However if there is evidence that certain experimental uncertainties exist, such as A0 and t0 

fluctuations or ρ uncertainties, these parameters can be selectively left free to compensate 

for such effects under good signal to noise conditions. For example A0 is customarily 

allowed to be a free parameters due to difficulties to calculate or experimentally determine 

the instrument gain factor (e.g. to account for the laser power, detector gain and optics’ 

coupling to each-other and to tissue). 

 

One additional complication derives from the nature of 0t , which in contrast to the 

rest of the parameters is a discrete variable. For the cases that 0t , is taken as a free 

parameter, the algorithm can fit the time-resolved curves for a selected interval, for example 

t∈[ 0t -100ps, 0t +100ps ]. Then the fit of the minimum χ2 obviously yields. Obviously the 

0t  time step equals the instrument’s time resolution δt and hence the number of fits 

executed for each time resolved curve equals 200ps/δt. 

 

4.4 Time domain DOS sensitivity.   

In this section I outline common experimental errors that are introduced in 

measurements of time-resolved photons and investigate their influence rate on the 
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quantification accuracy. I also demonstrate that DOS quantification depends on the 

medium’s optical properties, independently of signal to noise considerations. To perform the 

sensitivity analysis the solution for reflectance geometry in the time domain (Eq.( 3-28)) has 

been used to simulate time-resolved curves measured from a semi-infinite medium with 

optical properties µa and µs’ at a source detector separation ρ.  Then an assumed 

experimental error is induced in the time-resolved curve, for example a time shift. The 

modified time-resolved curve is then fitted to Eq.( 3-28) for reflectance and the resulting 

optical properties are compared with the ones used for the simulation to produce the relative 

quantification error, ε, which is simply defined as  

 

%100×
−

=
real

realfitted

µ
µµ

ε , ( 4-15) 

 

where µfitted is a parameter that is fitted for and µreal is the value of this parameter that was 

used in the simulation. Therefore εs denotes the relative quantification error in estimating the 

reduced scattering coefficient and εa is the relative quantification error in estimating the 

absorption coefficient. 

 

4.4.1 Impulse response measurement induced errors 

The most significant calibration of a time-resolved instrument is the measurement of 

its impulse response, also known as instrument function measurement. This measurement 

describes the instrument operation and conveys three important pieces of information, i.e. 

the incident photon pulse power, the incident pulse launch time and the overall photon 

dispersion and electronic fluctuations of the instrument. The instrument impulse response 

can be measured by abutting the source and detector fibers using the proper optical signal 

attenuation. 
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Incident photon-pulse finite width. 

The deviation of the impulse response from an ideal delta function is associated with 

both photonic and electronic phenomena. Photonic phenomena include the finite-width 

incident photon-pulse, due to the laser characteristics, and the photon-dispersion along 

optical fibers, which may be used to guide photons to and from the medium under 

investigation. Electronic phenomena include the transient time spread [87] (TTS) of the 

electrons during amplification in the photo-multiplier tube and the trigger-signal time 

uncertainty between the laser and the TAC. Although these are the dominant factors 

determining the instrument impulse response, any other time-uncertainty associated with the 

propagation of photons or electrons along the instrument will contribute to pulse 

broadening.   

The detected time-resolved curve can be considered as the convolution of the finite-

width instrument impulse response with the time-resolved photon response from the diffuse 

medium as discussed earlier. In order to investigate the effect of this convolution operation 

to the quantification accuracy of the time-resolved method, four time-resolved curves were 

convoluted with impulse responses of increasing full-width-at-half-maximum (FWHM), and 

fitted without correcting for the convolution effect. The time resolved curves were produced 

again using Eq.( 3-28) at four combinations of absorption and reduced scattering 

coefficients. The optical properties were selected from the physiological range to study low 

and high absorbing and low and high scattering media, in the four possible combinations. 

The different full-width at half maximum (FWHM) of the impulse responses were created by 

changing the time-scale of an experimentally measured impulse response.  

 

Figure 4-6 depicts the relative quantification errors, εa and εs of the fitting result, as a 

function of the varying impulse response (FWHM), for the four combinations of medium 

optical properties. The results clearly demonstrate that even a small impulse-response full 

FWHM can have a significant effect in the accuracy of quantification if it is left 

unaccounted. Generally the error introduced in the sµ′  calculation is higher than in the 

aµ calculation. Additionally the dependence of the quantification performance on the optical 
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properties is evident. High scattering and low absorbing media can be quantified more 

accurately than media with other optical property combinations.  

 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 4-6. Relative quantification errors of time-resolved NIR spectroscopy as a function of 

the impulse response FWHM variation. 

 

 

Incident photon-pulse launch time uncertainty 

The incident pulse-launch time 0t , can be obtained from the impulse response 

measurement. Assuming that deconvolution is performed, 0t  can be assigned as the time 

point when the impulse response maximum occurs. However since the impulse response 

measurement cannot occur simultaneously with the data measurement, errors in determining 

0t , associated with the stability of the time position of this maximum point over a period of 

time, may lead to quantification errors.  

 

The incident photon-pulse launch time uncertainty can be attributed to two effects, 

namely drift and jitter. Drift is generally caused by laser or environmental temperature 

changes during the measurement and is manifested as a gradual 0t change over time. Jitter is 
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a random 0t fluctuation due to electrical, electronic and photo-electronic uncertainties and 

the quantization operation of the multi-channel analyzer. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 4-7 Quantification error of NIR time-resolved spectroscopy as a function of time 

shift of the instrument impulse response relatively to the measured curve. 

 

The influence of time-drift and jitter on quantification errors can be studied 

collectively as a time shift. The time-resolved curves were created employing a delta-function 

impulse response at time t= 0t . Time uncertainties were then introduced by fitting the time 

resolved-curves assuming that the impulse response was shifted towards earlier (positive) or 

later (negative) times compared to 0t . Figure 4-7 depicts the relative quantification errors εa 

and εs as a function of this impulse response time shift. Four optical property combinations 

were studied again. The quantification of sµ′  is shown in general to be more sensitive to time 

uncertainties, compared to the aµ quantification. Furthermore the dependence of εa and εs on 

the medium optical properties is evident, with quantification of lower scattering and higher 

absorption media demonstrating more sensitivity to time-shifts. 
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Selective waveguide mode excitation and fiber length variability 

Optical fibers are often used for NIR spectroscopy of tissue due to the convenience 

they offer to obtain measurements in various geometries. It is also a common practice to use 

multi-mode fibers in the detection part, to increase the photon collection efficiency. An 

important source of error, and maybe the most complicated and difficult to account for, is 

the uncertainty associated with selective excitation of wave-guide modes in the detection 

fibers. This effect is further complicated by possible length variability between fibers 

constituting a fiber bundle, especially when long fiber bundles are employed.  

When a fiber collects light from a diffuse medium all wave-guide modes are excited 

since photons are collected from all the angles accepted by the fiber’s numerical aperture. 

Conversely an impulse response measurement employs collimated light. Therefore it is 

possible to excite a smaller number of wave-guide modes than the theoretical limit of the 

fiber, resulting in an underestimation of the actual impulse response FWHM. This 

phenomenon is also manifested when the source and detector fibers are not exactly parallel 

to each other when abutting them. In this case repeating the impulse response measurement 

by rotating the source tip relative to the detection tip, may excite different modes resulting in 

changes of pulse width, pulse amplitude, time-position of the maximum and shape. The 

phenomenon becomes more evident when the fiber guide numerical aperture and length 

increases leading to higher expected dispersion [112]. Experimental verification of such error 

sources has been reported [88]. The sensitivity to FWHM and 0t uncertainty has been 

studied in Figure 4-6. and Figure 4-7 independently and the superposition of the two may be 

used to estimate the upper limits of the combined error.  

 

4.4.2 Positional blurring 

Increased photon collection requirements directs the use of fiber bundles, as 

discussed earlier, with a diameter that can extend up to several millimeters. Therefore a 

measurement can be seen as the integration of photons collected over the extended area that 

the tip of the fiber bundle covered when coupled to the medium under measurement. This 

will be equivalent to a simultaneous multi-separation measurement. Obviously this effect will 

be more evident as the fiber bundle collection area increases. Figure 4-8a depicts the relative 
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quantification error as a function of the fiber bundle tip radius for source-detector 

separation of 5 cm. The forward model that simulated the time-resolved curves performed 

numerical integration of all the photons over the entire detector area, predicted using Eq.( 

3-28) for every time-bin. Figure 4-8b depicts the same calculation for a source detector 

separation of 3cm. Again we observe that the reduced scattering coefficient is more sensitive 

than the absorption coefficient and as expected the accuracy deteriorates for smaller source 

detector separation.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 4-8 Quantification error of NIR time-resolved spectroscopy as a function of 

detection fiber radius. 
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4.4.3 Influence of optical properties on time-domain DOS quantification. 

Figure 4-6., Figure 4-7 and Figure 4-8 have already demonstrated the quantification 

dependence on the optical properties of the measured medium.  The effect is easily 

explained by observing time-resolved curves for different absorption and scattering 

backgrounds. Figure 4-9a. depicts normalized time-resolved curves corresponding to source-

detector separation r=5cm, reduced scattering coefficient µs’=15cm-1, and varying absorption 

coefficient in the range 0.04-0.2 cm-1 increasing with steps of µa =0.04cm-1. It is easily seen 

that the contrast in the curve shape between 0.04 cm-1 and 0.08 cm-1 is significantly 

pronounced compared to the contrast for the same absorption change from 0.16 cm-1 to 

0.20 cm-1. Another characteristic feature is the reduced FWHM of the time-resolved curve in 

the higher absorption regime. Figure 4-1b shows similar normalized time-resolved curves, 

for the same source detector separation, plotted for background µs’=5cm-1. It is evident that 

the contrast and the overall width of the curves further decrease in the low scattering regime.  

 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 

Figure 4-9: Dependence of time-resolved curve shape on the underlying optical properties. 

a) Time resolved curves plotted for µs’=15cm-1  r=5cm and different absorption coefficients 

b) same plot for µs’=5cm-1 
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Figure 4-10 Quantification errors of NIR time-resolved spectroscopy induced due a 30 ps 

time shift of the impulse response, as a function of the optical properties of the medium 

measured. 
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narrower FWHM of the time-resolved curve. Furthermore it is expected that the 

quantification accuracy will deteriorate at the higher absorption regime due to the decrease in 

contrast between the curve shapes. Conversely positional blurring will favor narrower curves 

by inducing less overall time spread as compared to higher FWHM curves. 

 

In order to demonstrate the non-linear behavior of the dependence as a function of 

the optical property we have focused on time uncertainties that induce the higher errors. 

Simulated curves were produced by varying the absorption or the scattering coefficient and 

fitted with an impulse response that had an induced time uncertainty of 30ps. Figure 4-10a 

and b depict the relative quantification errors εa and εs respectively for a medium with 

varying absorption coefficient for three different scattering backgrounds. Similarly Figure 

4-10c and d show the relative quantification errors εa and εs as a function of reduced 

scattering coefficient variation for three different absorbing backgrounds. The relative 

quantification error εa has a non-linear dependence on absorption changes being relatively 

stable in the low absorption regime but increasing for higher absorption. On the contrary the 

dependence of εs is linear and increases for increasing scattering. Furthermore it is shown 

that εs is always larger than the corresponding εa.  

 
 

4.4.4 Absolute accuracy limits. 

During the previous sections, several experimental error sources and their influence 

on the quantification accuracy were discussed. The effect of these error sources can either be 

completely eliminated with appropriate data analysis procedures or minimized but not totally 

expunged with appropriate instrumentation design and appropriate algorithmic selection. 

The latter error sources ultimately determine the quantification accuracy of a time-resolved 

measurement.  

 

Errors associated with the convolution process of the measurement with the finite-

width impulse response can be eliminated by a deconvolution process. An efficient 

deconvolution procedure is suggested in Eq.(4-14). Instrument drift can be reduced by 
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allowing warming up of the instrument components before the measurement and by 

employing active electronic temperature compensation, which is a technique offered by 

several manufacturers to reduce the sensitivity of laser diode performance to surrounding 

temperature variations. The remnant drift and jitter can be monitored throughout the 

experiment using a reference fiber to collect a small portion of the incident pulse and 

directed to the detector with an appropriate time delay so that it does not interfere with the 

time-resolved curve obtained from the measurement. The reference fiber does not provide 

the impulse response measurement but can be used for post-processing retrieval of laser 

amplitude and temporal variations that could be used to correct the time axis of the 

measurement. The efficiency of this approach to eliminate time uncertainties is restricted by 

two factors. The first is that the selective excitation of a small portion of the photocathode 

area by the reference fiber may not reflect the overall TTS of the detector resulting in 

different time error statistics than the actual measurement and the effect will be more 

prominent for higher diameter detectors. The second is that since the time resolved 

detection has a discrete time step, the time resolution of the acquisition will be a definite 

upper limit of the accuracy of the correction and consequently of the quantification.  

 

Another alternative is to allow the parameter t0 to be a free parameter of the fit. This 

approach is equivalent to fitting only the amplitude information data in the frequency 

domain. Again due to the discrete nature of the detection, the instrument resolution will 

impose an upper limit on the quantification accuracy. Additionally this approach is more 

sensitive to incomplete modeling of the boundary conditions, which may lead to alterations 

of the time resolved curve shape.  

 

Phenomena associated with the dispersion and length variability of the fiber bundles 

can be minimized by using low dispersion fibers and wide laser pulses to excite as many 

waveguide modes as possible. However it is difficult to correct for such effects. Therefore 

the uncertainties in the impulse response FWHM that are introduced by this error source 

may propagate unaccounted to the quantification calculation. The uncertainties introduced 
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by fiber dispersion and length variability on the t0 can be partly accounted for by allowing t0 

to be a free fit parameter. 

 

Finally errors induced by the finite diameter of the detection fiber bundles can be 

accounted by employing an integrated photon current for the area that the detection fiber 

occupies. If S is this area then the modified solution can be simply written as  

 

∫=
S

drruy ),(φ . ( 4-16) 

 

This approach accounts for positional blurring under the assumption of equal 

detection gain for all single fibers constituting a fiber bundle. The quantification of time-

resolved spectroscopy can be further improved when selected parts of the curve are fitted 

for as will be discussed in the following section. 

 

4.4.5 Selective fit of the time-resolved curve. 

Under several circumstances fitting selected parts of the curve can improve the 

sensitivity of the fit to experimental errors or simplify the calculation process. Chance et. al. 

have suggested that the slope of the time resolved curve can be used to estimate the 

absorption coefficient assuming that the instrument impulse response has small FWHM so 

that it does not blur the time-resolved curve significantly [89]. A more general approach is to 

fit the time resolved curve for different values of the interval [K1,K2]  in Eq.(4-14). Here I 

demonstrate that the fitting process becomes less sensitive to time uncertainties if the last 

part of the time resolved curve is fitted for both the absorption and reduced scattering 

coefficient. Let us consider the fitting scheme of Figure 4-11 where the time-resolved curve 

is fitted from its maximum to the later times.    
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Figure 4-11. Fitting scheme that increases the accuracy of NIR time-resolved spectroscopy 

by fitting only the curve shape at later times. 

 

Figure 4-12 plots the results of applying the fit suggested in Figure 4-11 for the case  

demonstrated in Figure 4-10, namely an instrument response shift by 30ps. The 

improvement when using only the falling part of the curve in the fitting is remarkable. The 

relative absorption error εa is improved by more than 100% and the relative scattering error 

εa by more than 30%. The calculation is made in the absence of noise.  

 

Kienle et.al [54] have also noted that the diffuse model and boundary conditions 

used are not valid for early arriving photons that are not completely diffuse. This is especially 

true when short source-detector separations are used. We can therefore conclude that the 

rising part of the time resolved curve is very sensitive to time uncertainties, either theoretical 
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or experimental. By excluding the rising edge both the absorption and the reduced scattering 

coefficient can be quantified with higher accuracy. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 4-12. The quantification errors of NIR time-resolved spectroscopy induced due a   

30ps impulse response shift observed when fitting only the falling part of the time-resolved 

curve, for different combinations of optical properties. 
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4.4.6 Discussion. 

The investigation of the effect of experimental errors on the quantification accuracy 

of time resolved measurements, using curve shape fitting, has revealed that significant 

inaccuracies can arise if appropriate correction schemes are not employed. The method is 

generally most sensitive to temporal uncertainties of the impulse response, followed by 

uncertainties in the impulse response finite width and positional blurring. It has been also 

shown that the calculation of the reduced scattering coefficient is generally more susceptible 

to errors than the absorption coefficient.  

Furthermore the quantification accuracy depends on the medium optical properties. 

Impulse response time and FWHM uncertainties induce higher quantification errors in 

media with higher absorption and lower scattering. It has to be noted that this observation is 

not associated with violating the assumption of the diffusion approximation, which requires 

that µs’>>µa, or signal-to-noise considerations, but it is a direct effect of the narrow FWHM 

that the time resolve curve attains in this optical property regime. Conversely an inverse 

dependence is observed for positional blurring.  

Additionally experimental uncertainties induce an absorption-scattering cross-talk. 

This cross-talk is expected to deteriorate under non-favorable signal-to-noise conditions 

When absolute quantification of optical properties is required, curve-shape fitting 

yields a convenient way to characterize the media. However when relative changes are 

monitored, the quantification accuracy can significantly improve when the amplitude 

information is included. Specifically curve-shape fitting can be applied to fit the most 

accuracy-favorable measurement and all subsequent calculations can fit only for the 

absorption and scattering coefficient, using the amplitude calculated from the curve-shape 

fitting as a fixed parameter. Additionally the difference of the number of photons detected 

between measurements has been shown to be a very accurate measure when absorption 

changes are considered. In this case an additional experimental factor, namely the amplitude 

stability of the laser source must be considered in determining the quantification accuracy. 
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4.5 Time domain differential measurements.   

Eq.(4-14) is generally used for calculating absolute absorption and scattering 

coefficients. However when considering absorption differential changes that might arise as a 

function of time, I present a technique, which significantly outperforms in accuracy and 

sensitivity the methods presented in the preceding sections. Let us consider a small 

absorption change of the tissue volume from µa1 to µa2, assuming constant scattering 

coefficient µs’. Then the photon fluence rate will in general change from φ1 to φ2 respectively. 

For example, according to Eq.( 3-13) for a homogeneous and infinite medium:  
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ρφ ∆−=−−= , ( 4-17) 

where ρ is the source detector separation. 

 

Taking the natural logarithm of Eq.( 4-17) and integrating over time retrieves the 

absorption change 

 

∫−
−=∆

2

1
),(
),(ln

)(
2

1

2
2
1

2
2

t

t
a dt

tr
tr

ttc φ
φµ . ( 4-18) 

 

Here t1, t2 can be any time interval within the time-resolved curve. It is 

straightforward to show that even in more complex formulations, such as in reflectance 

using the extrapolated boundary condition (Eq.( 3-36)) in transmittance with finite slab 

geometry, Eq.( 4-18) still holds.  

 

According to Eq.( 3-32) the photon fluence rate for reflectance or transmittance 

geometry is 
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where R0(m) and Rc(m) are the distances given by Eq.( 3-33) and Eq.( 3-34).  The ratio of 

reflected or transmitted fluence rates φ1 and φ2 gives again 
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Eq.( 4-18) and Eq.( 4-20)  integrate the area between the time-resolved baseline 

curve and the time-resolved curve after the absorption change as indicated in Figure 4-13. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 4-13.  Schematic of the integration described by Eq.( 4-18) or Eq.( 4-20). Here J1 is 

the curve before the absorption change and J2 is the curve after an increase in the absorption 

coefficient. 
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Figure 4-14: Quantification error of Eq.(4-18) as a function of the real absorption change.  

 

This approach can be used as a very sensitive and accurate analysis method for 

measurement of absorption changes. An additional great advantage is that Eq.( 4-18) and 

Eq.( 4-20) are virtually independent of the boundary conditions for reflectance and 

transmittance geometries (as described in the previous section). The main limitation is the 

postulation of invariable diffusion coefficient for small absorption changes. The diffusion 

coefficient depends weakly on the absorption and therefore it will vary with absorption 

changes. We have investigated the error introduced due to this assumption. Figure 4-14 

shows the error as a function of absorption changes for different values of background 

scattering coefficient. These simulated absorption changes were obtained using Eq.( 3-28) 

and the error of the approximation was calculated by comparing the introduced absorption 

change with the absorption changes as calculated using Eq.( 4-20). The error of the method 

is shown to be quite insensitive even if there is big uncertainty in the knowledge of the real 

background scattering coefficient. The error remains in most cases below 10-3 cm-1 for 

absorption coefficient changes of ∆µa<0.02 cm-1 and it scales approximately linearly with the 

absorption change. This could enable easy error correction if higher absorption changes are 

monitored.  
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5 Diffuse Optical Tomography. 
 
 

 

 

 

 

Imaging with NIR photons has followed a development pattern somewhat similar to 

that of X-ray photons in that original developments using planar imaging were followed by 

to tomographic developments. Simple optical projection images have the inherent limitation 

of not providing three-dimensional information for the position of objects and not 

quantifying local optical properties. The combination of photon trajectories propagating at 

different angles (projections) contains information on the three dimensional distribution of 

optical heterogeneity. Tomographic techniques conveniently combine this information from 

projections to yield three-dimensional maps of optical properties.    

 

Diffuse Optical Tomography, similarly to other tomographic schemes, is divided in 

two parts, the forward problem and the inverse problem. The forward problem describes the 

physical phenomenon of diffusive photon propagation. Practically it is a solution of the 

heterogeneous diffusion equation. Such solution can be obtained analytically as seen in 

Chapter 3 or numerically. The solution predicts the photon field propagating through an 

optically heterogeneous medium and the resulting field expected in the boundaries of the 
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measured system. The inverse problem uses the appropriate forward solution to construct an 

operator that is applied to the measured data from an unknown medium to yield the internal 

optical composition of this medium. This operator could be the direct inverse of a matrix, 

the numerically calculated inverse of a matrix or a minimization/data-fitting process.  

 

Diffuse Optical Tomography can be performed in any of the domains discussed in 

the derivation of solutions in Chapter 3 and seen in the spectroscopic approaches of Chapter 

4, namely the constant wave CW-domain, the frequency domain and the time-domain. In 

general the CW domain carries the lowest information content whereas the time domain 

carries the highest. Reconstruction performance depends on the information content of the 

domain used, the number of sources and detectors employed, their relative position and 

signal-to-noise ratio.  

 

In this chapter, Section 5.1 outlines a linear, analytical tomographic scheme, based 

on the perturbation solution derived in Chapter 3. This method is a classic approach, 

presented by Kak and Slaney [56] and adapted for diffuse optics by Arridge et. al.[90],  

O’Leary [55] and others.  Although there are several more sophisticated techniques to 

perform DOT, the perturbation approach is a straightforward method to analytically 

examine and solve DOT problems and understand the reconstruction fundamentals. 

Personally I have also found it outstanding in quickly getting the right, reasonably quantified 

answer with simulated and real data from media with regular boundaries [88,91]. Section 5.2 

presents the algebraic reconstruction techniques that were primarily used for inverting 

simulated and experimental data used in this work. Section 5.3 focuses on calibration issues 

for experimental measurements and demonstrates why under certain circumstances the 

Rytov perturbation approach is the method of choice. Section 5.4 introduces an algorithm, 

based on the perturbative DOT, useful to image a diffuse medium with an increase in 

average absorption. This algorithm was applied to image the contrast-enhanced breast. The 

analysis exposes approximations leading to an intuitive and simplified inverse algorithm, 

shows explicitly why transmission geometries are less susceptible to error than the remission 

geometries, and why differential measurements are less susceptible to surface artifacts. These 
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ideas are not only applicable to tumor detection and characterization using contrast agents, 

but also to functional activation studies with or without contrast agents and multi-

wavelength measurements. Section 5.5 discusses upgrades of the linear tomographic 

method that improve the quantification accuracy using higher order solutions of the 

heterogeneous diffusion equation. Finally section 5.6 presents the simplification of the 

tomographic scheme when a-priori structural information is available. This method was a 

key technique in the data analysis for the simultaneous DOT-MR examination and yields the 

image-guided localized spectroscopy approach (see Chapter 9).   

 

 

 

5.1 Linear Diffuse Optical Tomography 

 

In this section I review the linear analytical diffuse optical tomography problem in 

the frequency domain. Experimentally a time domain instrument was used and is described 

in Chapter 7. The description of the tomographic problem in the time domain however is 

more complicated than needed. Most derivations of diffraction tomography are done by 

considering only one temporal frequency [56]. This decomposition can be accomplished by 

finding the Fourier transform of the field with respect to time at each position of the volume 

of interest. Then the use of the information contained in the time-domain data can be also 

converted to the frequency domain via the Fourier transform. The information at multiple 

frequencies can be combined to yield superior reconstructions compared to reconstructions 

performed at a single frequency. The constant wave domain can be also represented by the 

frequency domain expressions by setting the frequency to zero.  

 

In the following expressions I retain the dependence of the fluence rate on the 

modulation frequency ω to indicate the frequency-domain description. The scattered field 

for a medium where both the diffusion and absorption coefficients are spatially variant can 

be found under the Born approximation by combining Eq.( 3-46) and Eq.( 3-57), i.e. 
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where ),,( ωφ sdsc rr rr here is the scattered field due to both the absorption and the scattering 

heterogeneity at modulation frequency ω . The field ),,(0 ωφ srr rr  is the photon wave initiated 

at the source position srr  that hits the perturbation distribution )(rO r and )(rD rδ at position rr  

and ),( ωdrrg rr
−  is the Greens function solution to the heterogeneous diffusion equation that 

propagates the field scattered from the heterogeneity to the detector position at dr
r  (see 

§3.5). Similarly the Rytov solution can be written as a superposition of Eq.( 3-51) and Eq ( 

3-58), i.e., 
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Eq.( 5-1) and Eq.( 5-2) can be solved analytically if the volume of integration V is 

discretized into a number of voxels N, with centers at the discrete positions nr
r , and the 

integral equations approximated as a sum of unknown perturbations multiplied by the 

appropriate coefficients (weights). The discrete Born solution, at cartesian coordinates 

( zyx ˆ,ˆ,ˆ ) can then be written as 

   

( )∑
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n
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s
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a
nsdsc rDWrWrr
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rrrr δδµωφ , ( 5-3) 

 

where the absorption Born weight a
nW  at the discrete position nr

r is 
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the scattering Born weight is 
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and hx, hy and hz are the discretization steps along zyx ˆ,ˆ,ˆ  respectively. 

 

Similarly the discrete Rytov solution, at cartesian coordinates ( zyx ˆ,ˆ,ˆ ) and for the 

same descretization steps (hx, hy hz ) can then be written as 
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where the absorption Rytov weight a
nW  at the discrete position nr

r is 
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and the scattering Rytov weight is 
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Eq.( 5-3) and Eq.( 5-6) are written for a single measurement, for a source at position 

srr , a detector at position drr , and a frequency ω.  For multiple measurements m=o×p×q, 

where o is the number of sources, p is the number of detectors and q is the number of 

frequencies employed, the discretization yields a set of coupled, linear equations which in 

matrix form are written as,  
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 Eq.( 5-9) can use either the Born or Rytov weights given by Eq.( 5-5) and Eq.( 5-8) 

respectively. It is implicit that the weights will be calculated for the appropriate geometry, as 

seen at the solutions for the fluence rate and Greens’ function given in §3.4. Actually Eq.( 

5-9) can be used generically, since the calculation of the weights can be performed 

analytically and numerically, for homogeneous or inhomogeneous media. This issue will be 

discussed more analytically in §5.5. 

 

 Inverting Eq.( 5-9) yields the map (image) of unknown absorption and scattering 

perturbations. This inversion is discussed in the next section. 

 

 

5.2 Matrix Inversion  

 Solving (inverting) and evaluating inversions of a system of linear equations as in Eq.( 

5-9) has been the target of many decades of mathematical and engineering developments. As 

a result there is ample literature on many inversion approaches and their performance with 

general and specific problems.  

 

 The main solver selected for the inversions was a class of algorithms called algebraic 

reconstructions. This set of algorithms was originally applied to X-ray computed 

tomography reconstructions and has several logistical advantages. The techniques process 

the inversion problem line by line and do not require the creation or storage of any 

additional matrices. Therefore it is optimized towards minimum computer memory 

requirements, an important property for large tomographic problems.  
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 Here I will describe briefly a technique called method of projections (MOP), which 

was the method of choice in this work. If P is the measurement vector for m measurements, 

F the vector of 2⋅n unknown perturbations from a volume discretized in n voxels and W is 

the Rytov or Born weight, then Eq.( 5-9) can be written in a generalized form as: 

 

P=W⋅F. ( 5-10) 

 

 Since the weights used are generally complex numbers (except for zero modulation 

frequency), inverting Eq.( 5-10) could be performed using only the real part, only the 

imaginary part or using both real and imaginary parts. When both real and imaginary parts 

are used the matrix equation can be written as 
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where ‘R’ denotes “real” and ‘I’ denotes “imaginary”. The weight matrix is of dimension 

2m×2n. The use of three possible data combinations (real, imaginary or both) and of three 

unknown data combinations (absorption perturbation only, diffusion perturbations only or 

both) can create a total of 9 different schemes to be inverted, depending on the specific 

application. In the following we will generally examine an M×N problem. 

                         

 Independently of the exact constitution of the matrix equation, the M×N problem 

creates N degrees of freedom. Therefore the image represented by the N-dimensional vector 

F may be considered to be a single point in the N-dimensional space. Each of the rows in W 
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then represents a hyperplane. The algebraic reconstruction technique begins with an 

arbitrary initial guess F0, which represents a point in the N-dimensional space and projects 

from this initial point to the first hyperplane defined by the first row of the weight matrix W. 

From the point of intercept between the projection and the first hypeplane a new projection 

is performed to the hyperplane defined by the second row. Mathematically the process is 

written as  
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where i represents the ith projection from hyperplane i-1 to hyperplane i, iW
r

 is the ith 

hyperplane (or ith row of the weight matrix W), Pi is the ith measurement and λ is a constant 

called the relaxation parameter. For λ=1, Fi-1 is the projection point on hyperplane i-1 and FI 

is the new projection point on hyperplane i. For 0< λ <1, and if d is the projection distance 

between  FI-1 and the ith hyperplane, the new point Fi is located on the projection from Fi-1 to 

hyperplane i but at a position which is λd. The relaxation parameter λ is introduced to 

minimize artifacts and inversion instability [92]. Typically in this work λ was set to 0.1. 

 

 A MOP iteration is defined here as one full projection circle through all hyperplanes, 

namely one MOP iteration equals N projections. Generally, repeating the number of 

projections in an iterative fashion improves the convergence of the reconstruction. When a 

unique solution exists then this sequential projection on hyperplanes leads to this point 

which is the common point of intersection for all these hyperplanes (for a proof see [56]). In 

the presence of noise and more generally when the system does not have a unique solution, 

either because it is overdetermined (M>N) or underdetermined (M>N), the solution 

reached represents a point of all possible solutions that is closer to the initial guess F0. 

 

 The convergence speed of the solution depends on the size of the inverted problem 

and on the N-space orthogonality of the hyperplanes. Although optimization can be 

performed in order to increase the convergence speed, by appropriately selecting projections 
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between hyperplanes that are orthogonal or close to orthogonal, this generally requires 

additional computation or introduces complexity. In this work, unless otherwise indicated, 

the system of Eq.( 5-12) was solved on a row to row projection and convergence was 

assumed when the change in the relative error 
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became less than a preset value, normally ~10-5.  

 

5.3 Experimental calibration: Born vs. Rytov revisited 

 

 A comparison between the Rytov and a normalized Born approximation was 

discussed in §3.6. Generally it has been shown that the Rytov solution is equivalent to a 

normalized Born (and by extension to a standard Born) solution for weak scattered fields. 

For larger scattered fields it was found that the differences encountered between the two 

approximations it was not a result of the physics of the approximation per se but rather on 

the more efficient formulation of the Rytov scattered field.  

 

 Here I will discuss the experimental implementation of the Born and Rytov 

approximations and explain why many times it is preferable to use the Rytov approximation 

(or the equivalent normalized Born approximation for small scattered fields) over the 

standard Born approximation. In real measurements one needs to experimentally determine 

the scattered field in Eq.( 5-1) and Eq.( 5-2) . According to Eq.( 3-41) the Born scattered 

field is  

),,(),,(),,( 0 ωφωφωφ sdsdsdsc rrrrrr rrrrrr −= , ( 5-14)

 

where both the incident field ),,(0 ωφ sd rr rr and the total field ),,( ωφ sd rr rr depend on an 

experimental, multiplicative gain factor A. To denote that we can write Eq.( 5-14) as  



 

 80

 

),,(),,(),,( 1
0

1 ωφωφωφ sdsdsdsc rrArrArr rrrrrr −= , ( 5-15)

 

where ),,(1 ωφ sd rr rr is an assumed total field measured for a source term with unit amplitude 

and zero phase and similarly ),,(1
0 ωφ sd rr rr  is the incident field measured for the same source. 

Therefore the calculation of the Born scattered field requires the determination of the gain 

factor A and this generally has to be performed for every source detector pair independently, 

since individual gains may vary. Determination of A can be done experimentally on a 

medium with known optical properties and known geometry, i.e. a measurement where A is 

the only unknown. However the Rytov expression (or the normalized Born) gives a 

convenient way to cancel out the gain term in differential measurements, namely 

measurements where a baseline is obtained prior to a change in optical properties. This 

could be in situations where functional activation is monitored, when a contrast agent is 

administered, or simply when a measurement is performed in a calibration medium before 

or after the tissue measurement. The Rytov expression is written as (see Eqs. ( 3-47)-( 3-49)): 
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and obviously is independent of the gain factor A. Therefore there is no need to explicitly 

determine A if the experimental protocol is designed to allow for differential measurements. 

Taking the ratio of differential measurements also decreases the sensitivity on systematic 

errors under the premise that both the baseline and actual measurements “see” the same 

systematics (foe example fiber-medium boundary imperfect coupling) This issue will be 

revisited in the next section.  

 

 For the rest of this work, unless otherwise noted, all reconstructions will be 

performed using the Rytov approximation. 
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5.4 Differential DOT after contrast enhancement  

There are certain implications for imaging a medium after the administration of a 

contrast agent. For simplicity we present this analysis for an infinite medium. This theory 

however can be easily extended to other simple geometries such as semi-infinite or slab, 

using weights derived with the method of image sources and the appropriate extrapolated 

boundary condition (see §3.4).  
 
Let us assume a tissue where the contrast agent Indocyanine Green (ICG) is 

administered. The first order perturbation expansion divides the absorption ( )(a rrµ′ ) and 

diffusion ( )(rD r′ ) coefficients of the pre-ICG breast into spatially varying ( )(),(a rDr rr ′′ δµδ ) and 

background components ( 00 , Da ′′µ ), i.e. )()( 0a rr aa

rr µδµµ ′+′=′  and )()( 0 rr DDD rr ′′′ += δ .  

Throughout this section a single ′ denotes pre-ICG tissue volumes.   In the Rytov 

approximation the total photon density wave measured at position dr
r  due to a source at 

position sr
r  is written as the product of two components, (Eq.( 3-47)- Eq.( 3-49) ) i.e. 

 

)],,(exp[),,(),,( 0 ωωφωφ sscss rrrrrr rrrrrr
Φ′′=′ , ( 5-17) 

 

where the scattered field ),,(sc ωds rr rr
Φ′ , is produced by the heterogeneities ( )(),(a rDr rr ′′ δµδ ) and 

the incident field ),,(0 ωφ ds rr rr′ , is the field that would have been detected from the same 

medium if these heterogeneities were not present. The first order perturbative solution for 

the pre-ICG medium is given by Eq.( 5-2). Here the dependence of the weights on the 

medium’s optical properties is kept for reasons that will be shortly become apparent. Then 

the detected scattered field from the pre-ICG tissue is 
 

rdrDDrrrWrDrrrWrr adss
V

aadsadssc
rrrrrrrrrrr

)](),,,,,( )(),,,,,([),,( 0000 ′′′′+′′′′=Φ′ ∫ δωµµδωµω , ( 5-18) 

 
where )(, sa WW ′′  represents the absorption (scattering) weight of the voxel at position rr , due 

to a source at srr  and a detector at dr
r .  
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Following the administration of a contrast agent the background optical properties 

change.  The new, post-ICG, total field can be written in a similar form: 

 

)],,(exp[),,(),,( 0 ωωφωφ sscss rrrrrr rrrrrr
Φ ′′′′=′′ . ( 5-19) 

 

 Here ),,(sc ωds rr rr
Φ ′′  is the field component scattered from the post-ICG 

heterogeneities (i.e. )(),(a rDr rr ′′′′ δµδ with respect to the new background optical properties 

0a0 , D ′′′′µ ) and ),,(0 ωφ ds rr rr′′  is the incident field obtained from the homogeneous background 

medium with 0a0 , D ′′′′µ . The first order perturbative solution of the heterogeneous diffusion 

equation yields 
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where Wa (Ws) represents the absorption (scattering) weight of voxels at position rr , due to a 

source at sr
r

 and for a detector at dr
r .  

 

Combining Eq.( 5-17) with Eq.( 5-19) we obtain the relative scattered field, i.e 
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 We will show that ),,(sc ωds rr rr
Φ  can be attributed primarily to perturbations created by 

the contrast agent injection. ),,( ωφ ds rr rr′  and ),,( ωφ ds rr rr′′  are the actual measurements on the pre- 

and post- ICG breast respectively, and ),,(0 ωφ ds rr rr′ , ),,(0 ωφ ds rr rr′′  can be determined from the 

average optical properties of the pre-and post- ICG breast (see Chapter 4 and Chapter 9).  
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 During the administration of an absorption contrast agent the scattering properties 

of tissue are not expected to change. Therefore we assume 000 DDD =′′=′  and )()( rDrD rr ′′=′ δδ . 

Substitution of Eq.( 5-18) and Eq.( 5-20) into Eq.( 5-21) yields:  

 

rdrDrrrWrDrrrWrr aadsa
V

aadsadssc
rrrrrrrrrrr

)](),,,,,( )(),,,,,([),,( 0000 µδωµµδωµω ′′′′−′′′′′′′′=Φ ∫ . ( 5-22) 

 

 Here we have also assumed ),,,,,(),,,,,( 0000 ωµωµ DrrrWDrrrW adssadss ′′≈′′′′ rrrrrr . This is a 

very good approximation when the average absorption change due to the contrast agent is small 

or in the transmission geometry [93] . 

 

 Let )(rICG
a

rδµ be the total absorption perturbation due to the ICG injection that 

includes both position-independent and position-dependent contributions. Then )(a rrµ ′′ can 

be written 

 

)()()()( 00a rrrr ICG
aaaaa

rrrr δµµδµµδµµ +′+′=′′+′′=′′ , ( 5-23) 

so that  

)()()( 00 rrr a
ICG
aaaa

rrr µδδµµµµδ ′++′′′=′′ − . ( 5-24) 

 

 The quantity )()( 00 rr ICG
aaa

rel
a

rr δµµµδµ +′′′= −  represents the position-dependent 

absorption heterogeneities induced by the contrast agent. The relative scattered field is 

computed by substitution of Eq.( 5-24) into Eq.( 5-22). It depends on contrast agent 

induced absorption heterogeneities and on pre-ICG tissue absorption heterogeneities. 
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)() -()(),,( µδδµω . ( 5-25) 

 

The second integral in Eq.( 5-25), 
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∫ ′′′′=
V aaa rdrWWS rr)() -( µδ , ( 5-26) 

 

describes the influence of the pre-existing (intrinsic) absorption heterogeneity of the breast 

on the relative scattered field. Since the intrinsic heterogeneity is weighted by the difference 

aa WW ′′′  -  the influence of this term can be quite small. Using the analytical forms for infinite 

absorption Rytov weights (Eq.( 5-17)) for the pre- and post-ICG breast we can write out 

Eq.( 5-26) explicitly, i.e. 
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rrrr

rr
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)()(
2
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µδ
π

. ( 5-27) 

where 

dssd rrrrrrrR
rrrrrrr

−−−+−=)( . ( 5-28) 

 

The term )()( rRkkie
r′′−′ in Eq.( 5-27) is approximately unity and S≈0 when the average 

absorption increase due to the ICG injection is very small (i.e. kk ′′≈′ ). Usually however 

kk ′′≠′ . For example the recommended ICG dosage for humans (0.25mg/kg) introduces an 

average µa increase within the interval [0.005-0.015] cm-1 depending on breast 

vascularization. Figure 5-1a and b show the amplitude and phase of the term 
)()( rRkkie
r′′−′ respectively, for different )(rR r , as a function of the post-ICG breast absorption 

coefficient for a source detector separation sd rr
rr

− =6cm, using the geometry of Figure 5-1c. 

The background µa=0.05 cm-1 and the background µs’=10cm-1. 

 

The deviation of )()( rRkkie
r′′−′  from unity increases for perturbations farther from the 

line adjoining source and detector (i.e. as rrrr sd
rrrr

−+−  grows larger than sd rr
rr

−  when α 

increases).  However, the probability for photons to pass through these “distant” 

perturbations decreases exponentially via the weight aW ′′ in the integrand of Eq.( 5-27).  

Hence accumulated contributions of the heterogeneities at large α are small.  Figure 5-2 

plots the deviations introduced into ),,( ωdssc rr rr
Φ  by taking S=0. Figure 5-2a depicts the 



 

 85

ratio of the amplitude detected with no approximation to the amplitude detected assuming 

S=0. Similarly Figure 5-2b depicts the phase shift between the phase detected with no 

approximation and the phase detected assuming S=0. The error is plotted for a single 

perturbation at different positions α for the geometry depicted in Figure 5-1c. The values 

assumed in Eq.( 5-25) were )(ra
rµδ ′ =0.05 cm-1, )(rrel

a
rδµ =0.05 cm-1 and the background 

optical properties a0µ′ =0.05cm-1, a0µ ′′ =0.05cm-1 and sµ′ =10cm-1.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 5-1: (a) Amplitude of the term )()( rRkkie
r′′−′ as a function of the average absorption 

coefficient of the post-ICG breast assuming pre-ICG optical properties of µa=0.05 cm-1 and 

µs’=10cm-1., (b) Phase of the term )()( rRkkie
r′′−′  as a function of the average absorption 

coefficient of the post-ICG breast, (c) Test geometry for calculations in (a) and (b). 
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Figure 5-2: (a) Amplitude deviation and (b) Phase shift introduced in the field measured in 

Eq. ( 5-25) when S is assumed zero. The calculation is done as a function of the distance α, 

for the geometry shown in Figure 5-1, assuming 200MHz, background a0µ′ =0.05cm-1, 

a0µ ′′ =0.05cm-1, sµ′ =10 cm-1, rel
aδµ =0.05 cm-1 and )(ra

rµδ ′ =0.01 cm-1. 

 
 
 
The simulation of Figure 5-2 explicitly shows that the errors introduced because of 

the approximation S=0 are very small for physiologically relevant optical properties (i.e. 

relatively small )(a rrµδ ′ ) provide the most probable photon paths. The same behavior is 

exhibited for the scattering weights as shown at the end of this section. Eq.( 5-25) thus 

becomes  
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Our conclusions do not change when image sources are invoked to satisfy more 

complex boundary conditions such as semi-infinite or slab geometries. In these cases 
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)()( rRkkie
r′′−′  will appear in all the terms corresponding to image sources.  Note however that 

the assumption that S≈0 is best suited for slab geometry where rrrr sd
rrrr

−+−  ≈ sd rr
rr

−  for 

the most probable photon paths. This condition is not always true for reflectance geometry. 

 

Notice that the differential measurements are insensitive to surface artifacts such as 

small skin absorbers and hair under a certain source or detector. The term )(ra
rµδ ′ in Eq.( 

5-27) could be used to approximate surface heterogeneities by taking rr to be close to 

medium surface, near to the corresponding source or detector. The influence of such terms 

is virtually zero since in such a geometry 0)( ≅rR r and subsequently S=0. 

  

 For image reconstruction,  Eq.( 5-29)  is discretized into a sum of voxels as seen in 

§5.2. Inverting the weights’ matrix determines the spatial map of absorption due to contrast 

agent injection. 

 

 Discussion. Although Eq.(5-29) resembles the result of typical perturbation analyses, 

there are fundamental differences and constraints that must be considered when using it. 

First the parameter imaged is the synthetic perturbation term )()( 00 rr ICG
aaa

rel
a

rr δµµµδµ +′′′= − .   

Secondly, the relative scattered field scφ  depends both on the ratio, UU ′′′ , of the actual pre-

ICG and post-ICG measurements, and the multiplicative term 

))(exp(00 ds rrkkiUU rr
−⋅′′−′=′′′ . This term expresses the change in the incident field due to 

the average absorption coefficient increase of the post-ICG breast. Its use in Eq.( 5-21) leads 

to significant reconstruction improvements. Note that the term 00 UU ′′′  depends on | rrs
rr

− | 

and not on )(rR r . Therefore the arguments that led on the elimination of S from Eq.( 5-25) 

cannot be applied to this term since | rrs
rr

− | )(rR r
>> . The term 00 UU ′′′ can be analytically 

calculated for simple geometries such as infinite, semi-infinite or slab or calculated 

numerically for more complicated geometries if we know the average optical properties of 

the pre- and post- ICG breast. 
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5.5 Non-linear Diffuse Optical Tomography 

 The perturbative Diffuse Optical Tomography assumes a linear relationship between 

the scattered field detected and small perturbations of optical properties in a diffuse 

medium. Obviously for higher changes in optical properties the quantitative performance of 

the technique may deteriorate. Under these circumstances non-linear approaches may yield 

superior quantification accuracy.  

 

 The linear perturbation method can be upgraded to a non-linear approach. This can be 

accomplished by updating the weight functions, in an iterative fashion that employs the 

results of the previous iteration step to calculate more accurate, updated weight functions. 

To explain the process in the Born regime Eq.( 5-1) can be written as an iteration step, i.e. 

 

( )∑
=

+−=
N

n
n

s
nna

a
nsdsc rsDsWrssWrr

1

),()(),()(),,( rrrr δδµωφ , ( 5-30) 

 

where s∈[1..S], where s is the number of iteration step, ),( na rs rδµ , ),( nrsD rδ are the optical 

perturbations reconstructed at the sth step and )(),( sWsW s
n

a
n are the weights calculated at the 

sth steps. The sth iteration absorption weight in the Born regime can be written as 

[ ]
0

0 ),,,(),,(),()(
D

hhh
rrsrrrrgsW zyx

snscsndn
a

n ωφωφω rrrrrr
+−= , ( 5-31) 

 

and the scattering weight as 
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0 ),,,(),,(),(
D
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n ωφωφω rrrrrrrr
+∇⋅−∇= . ( 5-32) 

 

The field ),,,( ωφ sksc rrs rr  at each discrete position kr
r  in the medium can be calculated 

as 
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( )∑
=

−+−−=
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n
n

s
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1
),()1(),()1(),,,( rrrr δδµωφ . ( 5-33) 

 

Eq.( 5-33) is not defined when nk rr rr
= . In these positions one can retain the first 

order field or more accurately use a system of virtual sources [55, 94]. The sth iteration step is 

referred to as the sth-order Born solution. The scattered field ),,( ωφ sdsc rr rr in Eq.( 5-30) is the 

measured scattered field and it does not change with the iteration steps. The scattered field 

),,,( ωφ sksc rrs rr however, in Eq.( 5-33) is a theoretical prediction and it is updated in each 

iteration step to yield a better ),1( na rs r
+δµ and ),1( nrsD r

+δ solution.  

 

The Rytov solution can be similarly treated but the result becomes too complicated 

for practical implementations. The non-linear Rytov solution can be practically implemented 

as a normalized Born solution (§3.6) Then the corresponding weights can be given by 

dividing Eq.( 5-31) and Eq.( 5-32) with ),,(0 ωφ sn rr rr . Also it can be argued that for media that 

contain multiple perturbations, the Greens function solution needs to be updated in a similar 

manner, since each heterogeneity can be seen as a new source creating a diffuse photon 

density wave propagating in the heterogeneous medium. Then the analytical approach 

quickly becomes very complicated to implement in practice, especially in the presence of 

complex boundaries. In this case it becomes necessary to numerically calculate the higher 

order ),,(0 ωφ sn rr rr and ),( ωdn rrg rr
− . Numerical solutions also allow the easy implementation of 

arbitrary boundary conditions. In that respect, Eq.( 5-9) can be seen as a generalized non-

linear iterative equation that can be applied to more complex systems than the ones normally 

treated by the analytic linear forward solution. The iterative process will obtain a first-step 

solution assuming a homogeneous medium as an initial guess, similar to solutions obtained 

with the analytical approach. Then a numerical solution of the diffusion equation can be 

used to calculate the fluence rate distribution in the medium calculated in the first step. This 

yields a set of higher-order ),,(0 ωφ sn rr rr and ),( ωdn rrg rr
−  terms that can be used to calculate a 

new set of higher order weights. These weights are then substituted in Eq.( 5-9), which can 

be inverted again to yield a new solution of optical properties. The process can be repeated 

until convergence is reached.  
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5.6 Using a-priori information 

 An important contribution of the tomographic optical method is its ability to quantify 

the concentrations of physiologically important pigments such as oxygenated and 

deoxygenated hemoglobin, by providing absolute spatial quantification of scattering and 

absorption coefficients in the NIR region. Anatomical details derived from a conventional 

medical image, as the case of X-ray tomography or MRI can be taken into account, in order 

to improve the quantitative accuracy of the optical image. 

  

 Other researchers have considered the use of a priori structural information in 

numerical implementations of the diffusion equation to improve the reconstruction 

quantification [95,96]. In this section a method based on the perturbative solution of the 

diffusion equation is discussed. The method uses structural or functional information taken 

from another modality such as MRI and reduces the number of unknowns in the inversion 

problem, from the number of unknown voxel perturbations, to the number of tissue types. 

This significantly reduces the complexity of the inversion problem and generally converts it 

to a highly over-determined system that can be solved in principle more accurately than a 

standard inversion scheme that uses no a-priori information.  

 

 

 

 

 

 

 

 

 

 

Figure 5-3: A simple breast model. This over-simplified model is used for describing the 

matrix reduction algorithm. 

 

fat

fat fat

fat fat

fat

tumorglandgland

3

4 5 6

7 8 9

1 2



 

 91

  Let us consider an absorbing and scattering distribution in a region broken 

into n voxels. There is one unknown absorptive perturbation δµa and one unknown 

diffusive perturbation δD in each of the nine voxels ( n
aδµ , nDδ  are the perturbations in the nth 

voxel). For illustration reasons we assume n=9 as depicted in Figure 5-3. Then Eq.( 5-9) can 

be written as an m×18 problem, i.e., 
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 If the structural or functional distribution of the medium is known and we assume 

that each of the different structures or functional areas identified has uniform optical 

properties, then the problem dramatically simplifies. We need only to solve for the 

absorption and diffusion perturbations of each different type of inhomogeneity. For 

example, if the sample is composed of fat (background), glandular tissue (parenchyma) and 

tumor, then we only have two actual unknowns, (since the perturbation of the background 

fat is considered zero). We may then rewrite Eq.( 5-34) as an m×4, i.e., 
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( 5-35) 

 

 

 In this way we have reduced the number of linear equations to be solved from 

eighteen to four. This algorithm is easily extended for multiple voxels and tissue types. It is 

interesting to note that the sum of the weights in the above matrix represent our sensitivity 
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to each tissue type [55].  These totals can be used to design the experimental setup to 

maximize sensitivity to the tissue type of interest. 

 

 The simplification of Eq.( 5-35) leads to an over-determined system since typically 

no more than 5 different tissue types are identified. Eq.( 5-35) can be inverted using Eq.( 

5-12) but can also fitted to the measurements in a least squares sense. This leads to accurate 

determination of local optical properties, for the limited number of unknown tissue types in 

vivo.  In §6.4 the implementation and evaluation of this method will be discussed. 

Additionally §8.2 describes tools developed to apply this technique for the analysis of the 

clinical data. The algorithm has been used with the clinical measurements to quantify 

intrinsic and extrinsic optical properties of selected breast lesions (see §9.4).  
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6 Performance of diffuse optical tomography. 
 

 

 

 

 

 

The capability of diffuse optical tomography to resolve absorbing, fluorescing and 

scattering objects embedded in otherwise homogeneous media has been studied in the past 

with simulated and experimental data [97,98,99]. Although the technique has low spatial 

resolution, it offers high localization ability and quantification accuracy in the range of 10%-

50% depending on the geometry, signal-to-noise ratio and inversion technique employed.  

 

As DOT moves towards clinical applications however, it becomes important to 

evaluate its ability to image highly heterogeneous media. In this chapter I investigate the 

performance of the methods presented in the previous chapter using simulations on breast-

like heterogeneity. Breast-like optical heterogeneity was modeled after the heterogeneous 

vascularity pattern that appears in Gadolinium enhanced MRI images. This work actually 

followed our initial experience with clinical data and was used to understand better the 

results and the original conclusions and to improve the reconstructions. 
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Section 6.1 describes the performance of the linear Diffuse Optical Tomography with 

heterogeneous diffuse media, as a function of the background heterogeneity. Reconstruction 

optimization schemes are also described. Section 6.2 studies the performance of the 

tomographic method to image contrast-enhanced media and demonstrate certain 

improvements achieved when using Eq.( 5-29). Section 6.3 examines the combination of 

images at multiple wavelengths for producing images of hemoglobin concentration and 

hemoglobin saturation. Finally section 6.4 evaluates the performance of the algorithm that 

uses a-priori information to simplify the inversion problem. This investigation employed 

experimental data from a breast-like phantom and the simulated data produced for the 

imaging purposes of Section 6.1. 

 

 

6.1 DOT of highly heterogeneous media. 

  
The study of simulated heterogeneous media has been performed in the past [96,100]. 

The simulations in these studies were based on segmentation of T1-weighted Magnetic 

Resonance (MR) images of the brain and breast assuming that the variation of tissue optical 

properties coincides with tissue anatomy. Pogue et. al [96] have shown that heterogeneity 

distribution cannot be accurately reconstructed without using a-priori information. The 

study by Chang et. al [100]. showed that in the absence of a-priori knowledge on the 

background heterogeneity, diffuse optical tomography is unable to resolve objects that were 

simulating pathologies.  

 

 This section presents results from the study of breast-like media, segmented based 

on functional MR information, which more closely resembles the vasculature pattern. It is 

demonstrated that this heterogeneity is reconstructed as a specific artifact pattern that can be 

misinterpreted for actual structures. It is also shown that the use of an algorithm developed 

to reconstruct the contrast-enhanced breast (§5.4) can significantly improve the 

reconstruction of localized heterogeneities without using a-priori information. 
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The study was divided in two parts: The first studied the performance of DOT to 

reconstruct a breast like medium, containing a single 8mm lesion (the tumor) as a function of 

I) background heterogeneity, II) number of detectors employed. The second studied the 

performance of Eq.( 5-29) to image the same media. Here, the capacity of Eq.( 5-29) to 

image highly heterogeneous media in general is considered.  

 

Absorption and scattering contrast for the tumor and the background heterogeneity 

are imaged either independently or concurrently. A finite-difference solution of the 

heterogeneous diffusion equation in the time-domain was employed to produce the forward 

measurements [101]. The assumed geometrical set-up is modeled after our clinical 

experiment (described in Chapter 7) and is described analytically in the methods section.  

 

Our results indicate that background heterogeneity appears as biological noise leading 

to strong image artifacts. These artifacts are especially evident in the vicinity of the sources 

and detectors. The reconstruction of the tumor-structure also deteriorates as a function of 

background heterogeneity and the heterogeneous background cannot be imaged. An 

increase in the number of detectors used improves the reconstruction of the tumor structure 

but it does not remove the artifacts. On the other hand the correction algorithm employed, 

not only improves the tumor-structure reconstruction, but also eliminates the appearance of 

artifacts. The algorithm is found to be independent of the degree of background 

heterogeneity and is a good remedy when a-priori information is not available to the 

reconstruction.  

 

6.1.1 Research design and methods 

Inhomogeneity maps. The maps of optical heterogeneity employed have been modeled after 

Gadolinium (Gd) enhanced Magnetic Resonance images. The Gd-enhanced MR images 

depict the distribution of vasculature in breast tissue102. Since vascularization (hemoglobin 

concentration) is the main intrinsic contrast in breast imaging with light, it may be that breast 

heterogeneity, especially the absorption contrast, is better modeled using the function-

revealing Gd-enhanced images than using the anatomy-revealing T1-weighted images. 
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Although a weighted combination of the two could be an even better model for breast 

optical heterogeneity, the Gd based segmentation directly reflects the breast optical 

heterogeneity expected when NIR contrast agents are injected in the blood stream and for 

that was selected alone for this study. 

 

The inhomogeneity maps employed have been constructed as random distributions 

using the Gd-enhancement pattern of coronal MRI images as a guiding model. Figure 6-1a 

depicts a coronal MR T1-weighted anatomical image and Figure 6-1b depicts the same image 

superimposed with the signal enhancement due to Gd administration (in color). The Gd 

enhancement shown has been calculated by integrating the enhancement seen at all the 

coronal slices at ±0.5cm above and below the reference T1-slice. Besides a major lesion 

enhancing at the upper left part of the image (in this case a fibroadenoma) there are patchy 

enhancements throughout the rest of the image, primarily within the parenchymal tissue 

regions. The pattern of this enhancement has virtually a random distribution.   

 

 

Figure 6-1 An MRI anatomical coronal slice (a) and the same coronal slice with 

superimposed enhancement due to Gd administration.  

 

 

In order to model this distribution we have assumed a random 40x15 matrix with 

uniformly distributed entries in the range (0 1] as shown in Figure 6-2a. Figure 6-2b shows 

the histogram of Figure 6-2a. By applying a threshold, the degree of image heterogeneity is 

adjusted. Heterogeneity is characterized by the volume fraction (VF), i.e., 
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pixelsofnumbertotal

pixelsousheterogeneofnumberVF = . ( 6-1) 

 

For any selected VF the corresponding image was converted to binary and a 4-pixel 

rectangular structure, the tumor structure, was added as shown in Figure 6-2d. Therefore each 

image has three structures: (i) the background, (ii) the heterogeneity and (iii) the tumor structure.  

 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 6-2: Creation of random maps for optical heterogeneity simulation. 

 

 

random, 40-by-16, sparse matrix with 
uniformly distributed nonzero entries1. 

threshold to an appropriate value here 
shown for volume fraction VF=20%.2. create a binary background image 

and add the tumor structure3. 

HeterogeneityTumor Background

0 0.5
0
2
4

6
8

10

1

Histogram

threshold
1

0.8

0.6

0.4
0.2
0

1

0.8
0.6

0.4
0.2
0

random, 40-by-16, sparse matrix with 
uniformly distributed nonzero entries1. 

threshold to an appropriate value here 
shown for volume fraction VF=20%.2. create a binary background image 

and add the tumor structure3. 

HeterogeneityHeterogeneityTumorTumor BackgroundBackground

0 0.5
0
2
4

6
8

10

1

Histogram

threshold
1

0.8

0.6

0.4
0.2
0

1

0.8

0.6

0.4
0.2
0

1

0.8
0.6

0.4
0.2
0

1

0.8
0.6

0.4
0.2
0



 

 98

 

 

 

Figure 6-3: Final interpolation of optical maps and geometrical set-up. 
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Optical property maps For creating an optical map each of the three structures is assigned an 

absorption coefficient ( aµ ) and a reduced scattering coefficient ( sµ′ ). The optical properties 

assigned were based on average breast optical properties (see §9.1 ). Each of the resulting 

40x15 aµ  and sµ′  optical maps were interpolated on a 320x120 mesh. The final interpolated 

meshes are shown in Figure 6-3 for VF=0%, 20% and 40%. The meshes shown do not have 

units since they were used to create both absorbing and scattering maps. The exact aµ  and 

sµ′  assigned are described for each separate study in the results section. 

 

Geometrical set-up Figure 6-3c depicts the transmittance geometry assumed for this study 

shown for the optical map produced for VF=40%. This geometry mimics the clinical set-up 

described in chapter 7. For this study we have employed 7 sources and a variable array of 

detectors (ranging from 4 to 32) in transmission geometry. The span of the detector array is 

also depicted in Figure 6-3. The exact number of detectors employed is explicitly described 

on a per case basis in the results section. The region of interest (ROI), namely the area that is 

reconstructed in the results section is indicated with a light-solid rectangle.  

 

Numerical solution of the forward problem. Each set of aµ – and sµ′ – maps produced (like the one 

shown in Figure 5.3 for VF=20%), served as an input to a finite-difference implementation 

of the time-domain diffusion equation. The finite differences problem was solved using an 

“alternating directions implicit” (ADI) method [103]. The spatial mesh step, was 0.05 x 0.05 cm2 

and the time resolution of the numerical simulation was 50 ps. 

 

Perturbative Diffuse Optical Tomography. The tomographic scheme employed in this study is 

presented in § 5.1. Time resolved data are converted to the frequency domain via the Fourier 

Transform, yielding multiple modulation frequencies. The Rytov approximation was used to 

create a matrix similar to Eq.( 5-9). Inverting the weights’ matrix determines the spatial map 

of differences in absorption and diffusion coefficient. For matrix inversion the method of 

projections (MOP) was selected with relaxation parameter λ=0.1 and was applied only on 

the real part of the weight matrix for simplicity. The problem was simultaneously inverted at 

80,160,240,320,400 MHz. The exact selection of frequencies is explicitly given for each 
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reconstruction in the results section. The voxel size for all reconstructions was 3 x 3 x 6 

mm3. The specific dimensions were selected so that an accurate quantitative reconstruction 

of the tumor structure was obtained for the absorption map with VF=0% and kept constant 

for all reconstructions.  Convergence was assumed when an additional 100 iterations did not 

change the result more than 0.1% . 

 

Correction algorithm. The correction algorithm employed was originally developed for 

differential measurements of the breast and has been analytically described [93] and in §5.4. 

The algorithm uses the relative scattered field ),,( ωφ ds
rel
sc rr

rr  (see Eq.( 5-21)), i.e.  

 

),,,(
),,,(

ln),,(),,(
,0

,0
base

s
base
ads

c

het
s

het
ads

c

dsscds
rel
sc

rr
rr

rrrr
µµωφ
µµωφ

ωω
′
′

+Φ=Φ rr

rr
rrrr , ( 6-2) 

 

where het
s

het
a µµ ′,  are the average optical properties of the heterogeneous medium, base

s
base
a µµ ′,  

are the optical properties for VF=0% and c
0φ  is the incident field for transmittance geometry 

calculated theoretically in the frequency domain using the method of image sources. 

Practically the field ),,( ωdssc rr rr
Φ  is the experimental measurement (in the Rytov 

approximation that would be the natural logarithm of the total field over the incident field) 

and the fields ),,,( ,0
het

s
het
ads

c rr µµωφ ′rr , ),,,( ,0
base

s
base
ads

c rr µµωφ ′rr are theoretically calculated using  

the solutions developed in §3.4 for homogeneous media and the appropriate boundary 

conditions. Use of the ),,( ωdssc rr rr
Φ  (the field without correction) reconstructs perturbations 

from the baseline optical properties (“baseline” being any measurement performed on 

another diffuse medium in order to calibrate the instrument or provide the incident field – 

see also discussion). On the other hand use of ),,( ωds
rel
sc rr rr

Φ  reconstructs the medium 

relative to its average optical properties, but retains the experimental simplifications of 

dividing the total field by the incident field described in §5.3. Eq. (6-2) offers certain 

advantages when imaging heterogeneous media as shown in the results section and explained 

in the discussion section. When the ),,( ωds
rel
sc rr rr

Φ  is used in Eq.( 5-9), the weights Wa (Ws) 

are also calculated for the medium’s average optical properties het
s

het
a µµ ′, . 
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6.1.2 Reconstruction results 

The result section consists of three parts. The first part presents the reconstruction 

of simulated media with varying degree of background heterogeneity where a) only the 

absorption coefficient was spatially varying, b) only the reduced scattering coefficient was 

spatially varying and c) both absorption and reduced scattering coefficients were spatially 

varying. The second part shows the reconstruction performance as a function of detectors 

employed. In this second part we have focused only on imaging of absorption perturbations 

for simplicity. The third part presents imaging improvements when the correction algorithm 

(Eq.( 6-2)) is applied to the measurement vector. No noise has been added to the 

measurement vector (besides the numerical simulation approximations) so that the 

performance of DOT in imaging heterogeneous media is decomposed from its sensitivity to 

random noise.  

 
I. DOT as a function of background heterogeneity 
 

a)Reconstruction of absorption. Figure 6-4 shows the reconstructed results when only the 

absorption coefficient was spatially varying, for VF=0%, 20% and 40%. The corresponding 

regions of interest (ROI), taken from the simulated absorption optical maps, are also shown 

to facilitate comparison between simulated and reconstructed results. The optical properties 

used for the simulation are tabulated in Table 6-1.  

 

Table 6-1: Optical properties of absorption heterogeneity maps. 

 Tumor Heterogeneity Background 

µa (cm-1) 0.16 0.08 0.04 

µs’ (cm-1) 10 10 10 
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Figure 6-4: Reconstruction of absorption heterogeneity 

 

The reconstructions shown employ 4 detectors spaced 2.5cm apart and 5 modulation 

frequencies (40, 80, 120, 160 and 200MHz). These results have been produced without using 

correction. Since scattering was homogeneous the diffusion coefficient perturbations 

]..1[),( nirD i ∈
rδ  in Eq.( 5-9) were assumed zero. This simplified the inversion problem by 

reducing the number of unknowns to half. 

 

Figure 6-4a shows that when no background heterogeneity is present (VF=0%), the 

tumor structure is well resolved. The position is accurately resolved (within ~2mm which is 

the resolution allowed by the reconstruction mesh selected). The size is slightly 

overestimated, especially along y as is typical in such transmittance, underdetermined 

inversions.  The voxel size selected allowed an accurate reconstruction of the magnitude as 

discussed in the “research design and methods” section. There is some minor random noise 

that appears close to the borders, which can be attributed to numerical and modeling noise. 

 

For higher volume fraction VF the tumor structure is resolved with good positional 

accuracy but its size is significantly overestimated and the magnitude reconstructed is 
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underestimated. The reconstruction errors associated with the tumor structure amplify as the 

background heterogeneity increases.  

 

A distributed background heterogeneity is also reconstructed for volume fractions 

higher than 0%. The reconstructed heterogeneity however appears to have a distribution that 

does not clearly correlate to the simulated background heterogeneity distribution. Moreover 

distinct “objects” appear close to the source and detector boundaries. These “objects” or 

“artifacts” are especially visible as the background heterogeneity increases (Figure 6-4c). The 

magnitude of the artifacts takes a value that is comparable or higher than the reconstructed 

tumor structure as is especially evident for VF=40%. The position of the artifacts correlates 

well with the position of a source or a detector.  

 

 

 

 

 

 

 

 

 

 

 

Figure 6-5: Reconstruction of scattering heterogeneity. 

 

b)Reconstruction of scattering.  

Figure 6-5 shows the reconstructed results when only the reduced scattering 

coefficient was spatially varying, for VF=0%, 20% and 40%. The corresponding regions of 

interest (ROI), taken from the simulated scattering optical maps, are also shown. The optical 

properties used for this simulation are tabulated in Table 6-2.  
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Table 6-2: Optical properties of scattering heterogeneity maps. 

 Tumor Heterogeneity Background 

µa (cm-1) 0.06 0.06 0.06 

µs’ (cm-1) 20 12 8 

 

 

The reconstructions shown employ 4 detectors spaced 2.5cm apart and 5 modulation 

frequencies (40, 80, 120, 160 and 200MHz). These results have been produced without using 

correction. Since the absorption coefficient was constant, the absorption coefficient 

perturbations ]..1[),( niria ∈
rδµ  in Eq.( 5-9) were assumed zero. This again simplified the 

inversion problem by reducing the number of unknowns to half. 

 

Figure 6-5a shows that when no background heterogeneity is present (VF=0%), the 

scattering tumor structure is well resolved. Similarly to the absorption reconstructions of 

Figure 6-4 the position of the tumor structure is accurately resolved (within ~2mm which is 

the resolution allowed by the reconstruction mesh selected). The size is slightly 

overestimated along the z axis and is slightly underestimated along the x axis.  

 

As the background heterogeneity increases the tumor structure is overestimated in 

size and underestimated in magnitude. The background structures reconstructed appear 

“sharper” than the ones that appear on the absorption reconstructions (Figure 6-4) however 

there is little correlation between reconstructed and simulated background heterogeneity. 

The appearance of artifacts is stronger here. At VF=20% these “boundary” artifacts have 

already a magnitude higher than the tumor structure. For VF=40% more and stronger 

artifacts appear.   

 

b) Simultaneous reconstruction of absorption and scattering. Figure 6-6 shows results from the 

reconstruction of simulated media for VF=0%, 20% and 40% where both the absorption 
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and the scattering were spatially varying. The absorption and scattering variations had the 

pattern shown in Figure 6-3. The exact optical properties used in the simulation are 

tabulated in Table 6-3. The reconstructions shown employ again 4 detectors spaced 2.5cm. 

However, since the number of unknowns was doubled from the previous cases, we 

employed 10 modulation frequencies (40MHz to 400MHz in steps of 40MHz). The 

reconstruction results shown were again produced by inverting Eq.( 5-9) without correction. 

 

Table 6-3: Optical properties of absorption & scattering heterogeneity maps. 

 Tumor Heterogeneity Background 

µa (cm-1) 0.16 0.08 0.04 

µs’ (cm-1) 20 12 8 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 6-6 Reconstruction of absorption and scattering heterogeneity. 
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The simultaneously reconstructed µa and µs’ images of Figure 6-6 are similar to the 

ones reconstructed independently in Figure 6-4 and Figure 6-5 respectively. The tumor 

structure is overestimated in size and underestimated in magnitude as the VF increases. 

Artifacts also appear close to the boundaries as the VF increases. The artifacts appear 

stronger on scattering image.  

 

II. DOT as a function of detectors employed  
As seen in Figure 6-4, Figure 6-5 and Figure 6-6 the imaging fidelity deteriorates as 

the VF increases. This can be attributed to the fact that an ill-posed system of linear 

equations is inverted. In this section we have increased the number of detectors employed, 

to investigate the effect of increased data-set to imaging quality. Specifically we investigate 

the reconstruction of absorption variations for VF=20% using 8, 16 and 32 detectors.  

 

The results are shown in Figure 6-7. Figure 6-7a, b and c depict the reconstruction 

results with 8, 16 and 32 detectors respectively. Figure 6-7d shows the region of interest 

from the absorption optical map that was simulated. The optical properties are the ones 

shown in Table 6-1. Figure 6-7e is the result of 50 iterative convolutions of the simulated 

absorption map of Figure 6-7d with the 3x3 Gaussian kernel shown in Figure 6-7f. This low-

resolution image has been provided for comparison reasons.  

 

The increase of the number of detectors results in improvements in the 

reconstruction of the tumor structure. The magnitude of the tumor is more accurately 

reconstructed as the detectors used increase. The size is also more accurately resolved, 

especially along the x-axis but it does not reach the accuracy shown in Figure 6-4a when no 

background heterogeneity was present. The background structures appear more sharply 

resolved but they bear little correlation to the real background heterogeneity distribution 

(compare with Figure 6-7e). Artifacts appear again close to the boundary.  
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Figure 6-7 The effect of increasing the number of detectors in reconstructing highly 

absorptive heterogeneity (VF=20%). 

 

 

III. DOT using the correction algorithm 
Figure 6-8 shows a comparison between the reconstruction achieved using Eq.( 5-9) 

without correction and the reconstruction achieved when Eq.( 5-9) uses the corrected 

measurement vector (relative scattered field) in reconstructing the absorption maps. The 

weights employed when the correction is used are calculated for the average optical 

properties of the heterogeneous map, i.e. het
aµ =0.048cm-1, het

sµ ′ =8 cm-1. The optical 

properties used for the simulation are tabulated in Table 6-3. The reconstructions shown 

employ 4 detectors spaced 2.5cm apart and 5 modulation frequencies (40, 80, 120, 160 and 

200MHz).  
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Figure 6-8: Absorption heterogeneity reconstruction before and after the correction of 

Eq.(6-2) for VF=20% and VF=40%. 

 

The correction significantly suppresses the artifacts that appear close to the 

boundaries. Furthermore the tumor structure is reconstructed accurately in both size and 

magnitude. The effect of the correction is that by construction no background structure is 

reconstructed. This is further explained in the discussion section. The algorithm performs 

well independently of background heterogeneity since the reconstruction results are similar 

for both VF=20% and VF=40%. 

 

 

6.1.3 Discussion 

Diffuse Optical Tomography is found adequate to accurately retrieve the location of 

single objects embedded in highly heterogeneous diffuse media when sufficient contrast exists 

between the object above an average heterogeneous background. However, the 

reconstruction of size and magnitude becomes less accurate as the background heterogeneity 

increases. Obviously the detection capacity will depend on the size and relative optical 
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property of the object above the average background. In this work we did not attempt to 

probe “detection limits” but to investigate the effect of the background heterogeneity to the 

reconstruction of an ill-posed, underdetermined forward problem.  

 

In the presence of background heterogeneity the single object will create 

“correlated” contrast (seen in many projections). This correlated contrast is correctly 

inverted. This would be also expected for a small number of objects distributed in the highly 

heterogeneous medium. On the other hand, the optical heterogeneity behaves as “biological 

noise” that appears uncorrelated in the underdetermined system, due to the absence of 

sufficient measurements. The technique therefore detects the presence of the background 

heterogeneity, since there is contrast reconstructed when the background heterogeneity 

increases, but it cannot correctly reveal its spatial distribution. The inversion of the ill-posed 

underdetermined system, in the presence of the “biological noise”, does not converge to an 

accurate low-resolution spatial map (as reflected in Figure 6-7e) but in the reconstruction of 

artificial structures. The most significant artifacts appear close to the boundaries; 

preferentially in front of a source or a detector. These artifacts often have much higher 

contrast than the one expected for the background heterogeneity. Apparently the inversion 

erroneously concentrates the perturbation obtained from a distributed low contrast 

inhomogeneity to localized high contrast objects.  

 

DOT is considered a modality that is not in need of high resolution since, similar to 

Positron Emission Tomography (PET) and Single Photon Emission Computed 

Tomography (SPECT), it targets function rather than structure. Therefore it is not the tissue 

architectural characteristics that are in pursue but functional characteristics of localized areas. 

Hence, the presence of strong artifacts is a major disadvantage since there is no other 

information (such as structural characteristics) that could enable the differentiation of these 

artifacts from real localized structures.  Implementation of more orthogonal measurements 

(as in the case of a cylindrical geometry or two 900-rotated transmittance geometries) have 

been shown to improve imaging of simple heterogeneous systems [104, 105] and may be 

beneficial to better resolving the background distributed heterogeneity as well.  
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The correction algorithm proposed offers a practical solution to this problem. Let us 

assume that a calibration measurement is taken from a diffuse medium with optical 

properties base
s

base
a µµ ′, . This calibration measurement can be used to provide the incident 

field or calibrate the gains of the source-detector pairs employed. The tissue measurement 

however is obtained from a different medium with optical properties het
s

het
a µµ ′, . Therefore 

the two fields do not correspond to a “total” and an “incident” field in the way they were 

defined in §3.5. According to the definition in §3.5, the total and incident field differ slightly 

due to the weak perturbation distribution. In the case considered here, the two fields may be 

markedly different due to the change in the bulk optical properties ( base
s

base
a µµ ′,  vs. het

s
het
a µµ ′, ). 

The larger the change between the baseline and tissue optical properties, the stronger the 

scattered field ),,( ωdssc rr rr
Φ  deviates form its definition and this results in artifacts as 

witnessed in this analysis. The algorithm proposed accounts for the change in optical 

properties and corrects the ),,( ωdssc rr rr
Φ  to the new relative scattered field ),,( ωds

rel
sc rr rr

Φ . 

The latter corresponds to a measurement from the tissue of investigation relative to an 

incident field obtained from a medium with the average optical properties of the tissue and 

not relative to a baseline measurement. The effect of this correction is that it rejects the 

information that ),,( ωdssc rr rr
Φ  contains on the difference between base

s
base
a µµ ′,  and het

s
het
a µµ ′, . 

Although the “biological noise” is retained its effect now diminishes. This results in great 

artifact suppression. Furthermore the size and magnitude of the tumor structure is more 

accurately resolved. The algorithm is found to be insensitive to the degree of background 

heterogeneity.  

 

The use of this algorithm has been shown to be beneficial when performing 

differential measurements of tissue such as the pre- and post contrast enhanced breast [106]. 

Here we also demonstrate that this algorithm could also benefit the reconstruction of objects 

in highly heterogeneous systems even if no a-priori information is present. 
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The correction algorithm requires knowledge of the average optical properties of the 

heterogeneous medium. Here the average optical properties were easily calculated by simple 

averaging over the optical property map. In real measurements the average optical properties 

of the medium under investigation can be calculated by fitting the experimental 

measurements to the appropriate solution of the diffusion equation for the geometry used 

(see Chapter 4).  

 

The tomographic scheme employed in this work was modeled after a clinical 

implementation of a breast DOT imager. Similarly the media simulated were modeled after 

the “typical” breast appearance although the anatomy and functional variability of the breast 

is large. Within these limitations the results allow insight on the expected performance of the 

technique in imaging the in-vivo breast although the conclusions may be extended to other  

tissue types. 

 

6.2 DOT of contrast enhanced media. 

In this section the DOT performance to image contrast enhanced tissue-like media is 

examined. This section evaluates the developments described in §5.4. Simulated data derived 

directly from baseline and Gd-enhanced MR images are used to model the pre- and post-

ICG breast. The performance of three DOT formulations is examined in imaging tissue after 

contrast agent enhancement.  The three formulations were: 

 

A) Using Eq.( 5-29), namely  

 

rdrWrr
V

rel
aadssc

rrrr )(ln),,(
0

0 ∫ ′′=
′′
′

′
′′

= δµ
φ
φ

φ
φωφ , ( 6-3) 

 

This comparison investigates the effect of the correction algorithm as compared to 

the typical Rytov approximation.  

B) The typical Rytov approximation which assumes  







′
′′

=Φ ′′
φ
φlnsc , namely 
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rdrWrr
V

ICG
aadssc

rrrr )(ln),,( ∫ ′=







′
′′

=Φ ′′ δµ
φ
φω , ( 6-4) 

 

(see §5.1 ). This approach is similar to the one presented in the previous section (§6.1) but 

uses a baseline measurement that is on a heterogeneous medium (namely the pre-ICG) 

breast. This is the typical perturbation approach that does not consider the average 

absorption increase due to the extrinsic contrast.  

 

C) Using Eq.( 5-25) including the term S, namely  

 

rdrWSSrr
V

rel
aadssc

rrrr )(ln),,(
0

0 ∫ ′′=−
′′
′

′
′′

=− δµ
φ
φ

φ
φωφ , ( 6-5) 

 

This comparison investigates the effect of the approximation S=0 assumed in Eq.(5-

29). 

 

A difference image was also produced by subtracting the post-ICG image from the 

pre-ICG image for comparison reasons. Both pre- and post- images were produced using 

Eq.( 5-9), assuming a homogeneous medium as baseline. The optical properties of the 

homogeneous medium were 0aµ′ =0.03cm-1 and 0sµ′ =8cm-1.  

 

In order to perform the comparisons two MRI coronal slices of a human breast were 

obtained: one before and one after contrast enhancement. Figure 6-9a depicts the T1-

weighted MR image. This image depicts structure. White regions correspond primarily to 

adipose (fatty) tissue while dark regions correspond to parenchymal (glandular) tissue. Figure 

6-9 b depicts the signal enhancement of the same T1-weighted image due to injection of the 

MRI contrast agent Gd-DTPA. The Gd-DTPA enhancement is superimposed in color. An 

infiltrating ductal carcinoma (shown in yellow) demonstrated the highest signal 

enhancement. Gd-DTPA and ICG have similar distribution patterns. Here we assume that 

the Gd-DTPA distribution reflects the ICG distribution.  
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We converted the MR images to optical property maps, separating four structures 

based on the image intensity information (by applying appropriate thresholds). The cancer is 

assumed to have two states: pre- and post- ICG contrast. The structures selected and the 

corresponding absolute optical properties are shown in Table 6-4. The optical properties are 

chosen to simulate breast optical properties as obtained from our breast clinical 

measurements (§9.1  and §9.2 ). 

 

 

 

 

 

 

Figure 6-9. (a) T1-weighted MR coronal slice of a human breast, (b) Gd-DTPA distribution 

(in color) of the same coronal slice. A ductal carcinoma appears in yellow. 

 

Table 6-4: Absolute optical properties of the different structures used for the 
simulations. 

Structure µµµµa (cm-1) µµµµs’ (cm-1) 

Adipose 0.03 8 

Parenchymal 0.06 8 

ICG-background  0.09 8 

Pre-ICG Cancer 0.09 8 

Post ICG Cancer 0.16 8 

 

 

Scattering has been assumed constant for all structures for simplicity. The resulting 

absorption maps are shown in Figure 6-10. The medium surrounding the breast was 

a b

0

255
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arbitrarily simulated as a highly absorbing diffuse medium (µa =0.30cm-1 µs’= 8cm-1). The 

average absorption of the pre- and post- ICG breast were found to be 0aµ′ =0.0473 cm-1 

and 0aµ ′′ =0.0589 cm-1 so that average absorption increase due to the ICG is 00 aa µµ ′′′ − =0.0116 

cm-1. 

 

 

 

 

 

 

 

Figure 6-10: Absorption maps used for the simulation of the ICG effect. (a) pre-ICG breast 

(b) post-ICG breast.   

 

The maps of Figure 6-10 served as an input to a finite-differences implementation of 

the frequency-domain diffusion equation. The simulation assumed 7 sources and 21 

detectors as shown in Figure 6-11. The frequency employed was 200MHz. No noise was 

added in the forward data. 

 

 

 

 

 

 

 

 

 

Figure 6-11: Sources and detector arrangement used for the simulation. The region 

reconstructed is outlined with a green double line. 
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For reconstruction purposes, the region of interest (indicated in Figure 6-11 as a 

green double line) was segmented into 35x25 voxels. The inversion was performed using the 

algebraic reconstruction technique of §5.2, with relaxation parameter λ=0.1. Convergence 

was assumed when an additional 100 iterations did not change the result more than 0.1%. 

The simulated image and the reconstructed )(rrel
a

rδµ  for the three cases examined are shown 

in Figure 6-12. 
 

 

 

 

Figure 6-12: Reconstruction results of the region indicated with the green double line on 

Figure 6-11.  a) Image  using Eq.(6-3). b) Image using Eq.(6-4). c) Image using Eq(6-5). d) 

The result of subtracting an image of the post-ICG breast (reconstructed relative to a 

homogeneous baseline medium) from an image of the pre-ICG breast (reconstructed 

relatively to the same baseline medium). The optical properties of the homogeneous medium 

were 0aµ′ =0.03cm-1 and sµ′ = 8cm-1. 

a

c

b

d
0
0.01
0.02
0.03
0.04
0.05
0.06
(cm-1)rel

aδµ c

0

0.04

0.06

0.08

0.10
(cm-1)

ICG
aδµ

0
0.01
0.02
0.03
0.04
0.05
0.06
(cm-1)rel

aδµ (cm-1)aδµICG

0
0.02
0.04
0.06
0.08

-0.02

a

c

a

c

b

d

b

d
0
0.01
0.02
0.03
0.04
0.05
0.06

0
0.01
0.02
0.03
0.04
0.05
0.06
(cm-1)rel

aδµ (cm-1)rel
aδµ rel
aδµ c

0

0.04

0.06

0.08

0.10
(cm-1)

ICG
aδµc

0

0.04

0.06

0.08

0.10

0

0.04

0.06

0.08

0.10
(cm-1)

ICG
aδµ

0
0.01
0.02
0.03
0.04
0.05
0.06

0
0.01
0.02
0.03
0.04
0.05
0.06
(cm-1)rel

aδµ (cm-1)rel
aδµ rel
aδµ (cm-1)aδµICG

0
0.02
0.04
0.06
0.08

-0.02

(cm-1)aδµICG

0
0.02
0.04
0.06
0.08

-0.02
0
0.02
0.04
0.06
0.08

-0.02



 

 116

The superior performance of Eq.(6-3) compared to the typical perturbative 

formulation Eq.(6-4) can be evaluated by examining Figure 6-12 a and b. Although both 

methods resolve the cancerous lesion with comparable positional and size accuracy, the 

typical formulation (Figure 6-12b) yields several strong artifacts close to the boundaries. 

These artifacts illustrate that in the presence of distributed absorption, the perturbative 

method converges preferentially to localized regions of high absorption. This is often true 

when inverting underdetermined systems (see also §6.1). Eq.(6-3) on the other hand removes 

the “average absorption increase” from the measurement vector. Therefore Figure 6-12a 

images weaker perturbations introduced by the ICG injection, relative to the average 

absorption increase. Since by construction the perturbation method works especially well for 

weak perturbations [56], it is expected that the use of Eq.(6-3) will more accurately image the 

heterogeneous medium. The same behavior is expected for a Born-type perturbative 

formulation. We note that Figure 6-12b images the )(rICG
a

rδµ  and not the )(rrel
a

rδµ  as in 

Figure 6-12a and Figure 6-12c. Therefore it is reasonable that the reconstructed value for 

cancer in Figure 6-12b is higher than the value reconstructed in Figure 6-12a and Figure 

6-12c. The difference in reconstructed values equals approximately the average absorption 

increase in the post-ICG breast ( 00 aa µµ ′′′ − =0.0116 cm-1). 

Figure 6-12c has been produced after correcting the measurement vector with S 

instead of setting it to zero as in Figure 6-12a. Only minor differences exist between the two 

images as had been predicted in Figure 5-1. In this simulation the pre-ICG cancer had a 

contrast of 2:1 to the average pre-ICG background value. This contribution has most likely 

resulted in the minor differences observed between the two images, especially in the 

structures close to the boundaries. 

Figure 6-12d is the result of subtracting an image of the post-ICG breast from an 

image of the pre-ICG breast. Here the )(rICG
a

rδµ  is imaged. The magnitude of the cancer is 

slightly overestimated and its size is significantly overestimated. Similarly to Figure 6-12b, 

strong artifacts appear close to the boundary. A distributed absorption is also reconstructed 

which does not correspond to the ICG distribution and is also an artifact. Compared to the 

other approaches the subtraction yields the most artifacts.  
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In these simulations the average optical properties were known by simple integration 

over the optical property map. In our clinical implementation (Chapter 7, 8, 9) the average 

optical properties of the pre-ICG breast are calculated by fitting the experimental time-

domain data obtained to the appropriate solution of the diffusion equation for the geometry 

used as explained in Chapter 4. Furthermore, Eq.(5-29) calculates the difference 00 aa µµ ′′′ − , 

(necessary to calculate both 00 UU ′′′ and )(rICG
a

rδµ  with an accuracy of the order of 10-3 cm-1.  

  

To conclude the formulation of perturbation theory in Eq.(6-3) is particularly well 

suited for image reconstructions of differences in the absorption properties of tissues as a 

result of optical contrast agent administration.  Importantly, these results enable the 

extraction of differential contrast agent absorption even within media that are heterogeneous 

in the absence of the contrast agent.  The primary result is an intuitive equation, which is 

valid over a large range of conditions.  It was shown explicitly what these corrections are and 

how these corrections can be included in more careful analyses.  The results should be 

applicable for a broad range of other DOT applications wherein baseline and “stimulated” 

measurements are available, particularly functional imaging in brain and muscle. 

 

6.3 Noise, hemoglobin concentration and saturation imaging. 

The combination of spectral information is a fundamental part of DOT. 

“Spectroscopic” imaging can be easily performed by obtaining images at multiple 

wavelengths and utilizing Eq.(4-6) on a pixel to pixel basis (assuming two or more 

chromophore concentrations). In §4.1.4 the effect of systematic errors, namely errors that 

bias the calculation of the absorption coefficient at multiple wavelengths in the same manner 

was studied. Systematic errors were found to affect more the quantification of hemoglobin 

concentration [H] than hemoglobin saturation Y. Here the effect of random noise in [H] and 

Y calculations, as pertaining to spectroscopic imaging is investigated. Conversely to the 

findings for systematic errors, it is demonstrated that random noise affects more the 

saturation calculation.  
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6.3.1 Simulated [H] and Y maps. 

To perform the investigation a two-dimensional medium was assumed, which 

contains only two absorbers, namely oxy- and deoxy- hemoglobin. The distribution of these 

absorbers was such, that they produce the [H] and Y maps shown in Figure 6-13. Using 

Eq.(4-6) the absorption coefficient in any wavelength can be calculated, given the extinction 

coefficients of oxy- and deoxy- hemoglobin at those wavelengths. Measurements at four 

wavelengths were assumed, i.e at λ=690nm, 750nm, 780nm and 830nm. Hence 4 absorption 

maps for each of the wavelengths were obtained (i.e Eq.(4-6) applied to each image pixel 

separately where [HbO2]=Y⋅[H] and [Hb]=[H]⋅(1-Y)). Then 5% random noise was added to 

each of the absorption maps.  

 

The noise-added absorption coefficient maps were used to back calculate the [H] and 

Y maps and investigate the effect of noise. Two calculations were performed. The first used 

the data at 780nm and 830nm to retrieve the [H], Y maps by inverting a determined system 

of two equations (i.e. Eq.(4-6) written for the two wavelengths) and two unknowns (oxy- 

and deoxy-hemoglobin). The second used all available wavelengths to solve again for the 

two unknown concentrations of oxy- and deoxy- hemoglobin. The 4×2 over-determined 

system was solved by data fitting in the least square sense.  The hypothesis behind using four 

wavelengths for two unknowns is that by using an over-determined problem, we will 

improve the noise statistics of the resulting image. 

 

6.3.2 Noise effect on [H],Y imaging 

Figure 6-13c and d depicts the result obtained after calculating the Y, [H] maps using 

only two wavelengths. The effect of the noise is more significant in the calculation of the Y 

map than the [H] map. This can be explained because the calculation of Y involves the 

division of the absorption coefficient in the two wavelengths [60] whereas the calculation of 

[H] implicates the addition of the two wavelengths. This behavior is similar to our 

observations with clinical results (see §9.3). The use of four wavelengths give superior 

performance compared to two wavelengths especially in reconstructing saturation. ( Figure 



 

 119

6-13e and f). The reconstruction of blood volume is less affected by noise and therefore 

although improved when using 4 wavelengths, this improvement is less obvious. The use of 

four wavelengths to improve the calculation of Y and [H] is been considered as an 

alternative to improving quantification [107,108] 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 6-13: Simulated calculation of saturation (left column) and hemoglobin concentration 

(right column) images as a function of wavelengths employed in the presence of 5% percent 

noise. (a) and (b) Simulation maps employed. (c)-(d) images when using two wavelengths; 

(e)-(f) images when using four wavelengths; (a)-(c) is saturation. 
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6.4 Using a-priori information 

 

In §5.6 an analytical way to implement a-priori geometrical information was discussed. 

In this section we examine the performance of this method with experimental measurements 

and with the heterogeneous media used in §6.1 to examine the performance of the 

tomographic approach. 

An analytical merit function has been selected which assumes only two unknowns: 

an unknown absorptive lesion or lesions (the lesion) and an unknown background 

heterogeneity (the background).  According to Eq.( 5-35)  this merit function is written as 
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Eq.( 6-6) uses multiple modulation frequencies (derived experimentally from the 

Fourier transform of the time resolved measurements) Fitting only for absorptive 

heterogeneities is directed from the fact that fitting for both the absorption and scattering 

introduces cross talk. This cross-talk yields occasionally unexpected results. The reason for 

the presence of cross talk is illustrated in Figure 6-14 where the χ2 is plotted for the lesion 

structure when it is minimized for both the absorption and the reduced scattering 

coefficient. As shown the minimum lies somewhere in the middle of a smooth valley. In the 

presence of noise the minimization process can converge anywhere in this valley and the 

solution becomes non robust.  

 

When fitting extrinsic contrast, the absorptive dye does not introduce scattering 

changes, therefore Eq.( 6-6) yields very accurate results. When fitting intrinsic contrast, 

scattering variations may introduce errors in the absorption coefficient. Eq.( 6-6) then works 

efficiently under the assumption of small scattering contrast. The effect of scattering contrast 

can be however evaluated by repeating the fitting using different modulation frequencies. If 
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no scattering contrast exists the result should be virtually independent of the modulation 

frequency(ies) selected, otherwise scattering perturbation should be included in the fitting.  

 

 

 

 

 

 

 

 

 

 

 

 

Figure 6-14:  Minimization space for the optical properties of an unknown lesion using 

localized Diffuse Optical Spectroscopy with a two-unknown merit function.   

 

 

In principle the method in §5.6 and Eq.( 6-6) allows to solve for multiple structures, 

not only two. The selection of fitting for only two unknown structures however favors the 

robustness of the solution. Figure 6-15 depicts the expected error (standard deviation) of a 

three-unknown merit function versus a two-unknown merit function as a function of 

measurement noise (only absorptive heterogeneities were assumed). The result has been 

obtained by repeating the fit multiple times (under the presence of random noise at each 

noise level) and calculating the standard deviation of the result. Apparently the two-

unknown merit function performs much better than the three-unknown merit function and 

for that was selected to fit the experimental data in Chapter 9. 
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Figure 6-15: Sensitivity of the merit function for localized Diffuse Optical Spectroscopy 

using two or three unknown tissue types as a function of noise in the measurements. 

 

 The merit function minimization is performed using the Nelder-Mead simplex 

search [83], provided within the Matlab software package (MathWorks, MA USA). 

Experimentally the extraction of unknown tissue structures is performed with specific tools 

developed and described in §8.2. In the following, an evaluation of the selected two-uknown 

merit function with experimental data from a simple phantom and with simulated data of 

highly heterogeneous diffuse media outlines the performance of the technique.  

 

6.4.1 Experimental measurements on a breast phantom. 

The experiment described in this subsection was developed in collaboration with 

Maureen O’Leary and appears in [55, 109]. However the measurements and data analysis 

shown here have been obtained with the instrument and tools developed and presented in 

Chapter 5 and Chapter 7.  

A solid resin model has been used that resembles the shape and the average optical 

properties of the human breast (µa=0.05cm-1, µs’=8cm-1). The model, shown in Figure 6-16, 
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has a cylindrical cavity that can be filled with combinations of absorbing and scattering 

liquids to simulate different kinds of inhomogeneities. In the sets of experiments performed 

here, the cavity was filled with 0.8% intralipid solution in order to match the scattering 

properties of the surrounding resin and different amounts of ink were added to induce local 

absorption differences.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 6-16. Breast resin model and experimental set-up used for the evaluation of localized 

Diffuse Optical Spectroscopy using the two-unknown merit function. 
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Transmittance geometry was realized using 7 sources and 4 detectors laying on the 

same plane but on opposite sides as shown in Figure 6-16b. Therefore 28 independent time-

resolved curves were collected for all different source-detector pairs. The time-resolved data 

are transformed to the frequency domain and 5 frequencies were selected (80, 160, 240, 320, 

400 Mhz). The dashed line indicates the volume reconstructed with dimensions 7.5 × 6.5 × 4 

cm3.  The selected mesh was 30 × 26 × 16. The cavity was initially filled with a solution of 

intralipid and ink that matched the optical properties of the surrounding resin model and a 

baseline measurement was obtained. The baseline measurement was used to normalize all 

other measurements by providing the “incident field”, similarly to the methodology described 

in §5.3. Subsequently, ink was diluted into the cavity to induce absorption perturbations 

indicated with a solid line in Figure 6-17a. The solver developed was used to fit those 

measurements assuming two unknowns namely the absorbing perturbation of the cavity and 

the background absorption of the surrounding medium. In this investigation the background 

and cavity scattering coefficients were assumed constant.  

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 6-17. Result of the localized DOS fit employing the two-unknown merit function for 

varying lesion absorption coefficient. 
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The results of the fit are shown in Figure 6-17. Both the values for the perturbation 

and for the background are fitted well. The relative quantification error is ~7%. The result 

plotted for the background value is after addition to the absolute absorption coefficient 

value of the model. The deviation of the cavity reconstructed value from the real value can 

be attributed to experimental errors. The accuracy deterioration at the higher perturbation 

values is also characteristic of the linear perturbation model [55]. 

 

6.4.2 A-priori information and highly heterogeneous media.  

Of particular interest for the clinical study, was the evaluation of the two-unknown 

merit function with heterogeneous, breast-like media. The two-unknown merit function 

allows two degrees of freedom: the “background” can measure the average background 

change and the “lesion” may quantify only the correlated information (information seen in 

all relevant projections), thus rejecting contrast from other lesions which will appear as noise  

and contribute to the average background optical property. To evaluate this hypothesis the 

simulated data from the heterogeneous maps of §6.1 were employed. Results from two 

volume fractions are used, namely for VF=10% and VF=30%. The same geometry and 

region of interest was selected as the one in Figure 6-3. Seven sources and four detectors 

were employed and the selected mesh was 50 × 25.  The real part of five modulation 

frequencies at 80, 160, 240, 320 and 400 MHz was employed. Here the lesion or tumor 

structure remains constant and the background heterogeneity varies. The results are depicted 

in Figure 6-18 as a function of the volume fraction. The solid line indicates the actual value 

for the lesion (Figure 6-18a) and the average background absorption coefficient (Figure 

6-18b). Since this is a two-dimensional forward model, the volume of the merit function 

voxel was selected so that the result for VF=0% is exact. Both lesion and background values 

are accurately predicted. The merit function selected calculates accurately the average 

background absorption increase due to the increase in heterogeneity and the lesion 

quantification is independent of the background heterogeneity.  
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Figure 6-18. Result of the localized DOS fit employing the two-unknown merit function for 

varying the background heterogeneity of the absorption coefficient. 

 

The great advantage of using the a-priori information is that it converts the typical 

DOT underdetermined system to an overdetermined one. The “availability” of more 

measurements for characterizing the same structures improves the noise statistics of the 

problem when random noise is considered, including both experimental and biological noise.  

As demonstrated in Figure 6-18, the two-unknown merit function selected is minimally 

affected by the random background heterogeneity and converges to the average value for the 

background structure. In the presence of systematic errors and noise however, the 

quantification result may be biased. For example if a highly heterogeneous structure existed 

only in the left part of the reconstructed area, the two-unknown merit function would have 

no capacity in producing a reasonable result since no provision is made for partial volume 

increases. In the clinical studies performed, a background check was always performed based 

on the Gd-enhancement of the MR images to verify the “randomness” of the breast 

vascularization. Then the volume of interest was appropriately selected to ensure a random 

background pattern and to avoid other systematic errors such as boundary effects. In general 

however, more complicated problems may require higher complexity merit functions.  
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In conclusion the two-unknown merit function has been found to perform very well 

in quantifying lesions embedded in homogeneous and random heterogeneous media and was 

selected as the function of choice for performing image-guided localized spectroscopy with 

the clinical examinations. 
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7 Experimental set-up 
 
 
 
 
 
 

The clinical part of the present work was performed using a time-domain instrument 

designed to be coupled in the bore of a Magnetic Resonance scanner to perform 

simultaneous DOT and MRI examinations. In this chapter I describe the instrument and the 

experimental set-up for the in magnet application.  

Section 7.1 describes the instrument and the performance of the individual 

components that comprised it. Section 7.2 outlines the benchmark performance of the 

instrument and general time-resolved design considerations are discussed. Section 7.3 

investigates the tomographic performance of the instrument with tissue-like phantoms. 

Section 7.4 describes the spectroscopic performance of the instrument. Finally section 7.5 

discusses the findings and gives a perspective on the clinical use of the apparatus presented. 

 

7.1 Apparatus 

Figure 7-1 depicts the block diagram of the instrument. The main components are: (i) 

the laser source consisting of two laser diodes at 780nm and 830nm (recently added 690nm 

as well), (ii) the wavelength coupler, (iii) the 95/5 beam splitter, (iv) the reference branch, (v) 
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the 1x24 DiCon FiberOptics optical switch, (vi) delivery source optic fibers, (vii) coupling 

plates that carry the optical fibers, radiofrequency coils for the MRI and are used for breast 

soft-compression, (viii) collection fiber optical bundles, (ix) light detectors, (x) amplification 

unit, (xi) router, (xii) photon counting unit with constant fraction discriminator (CFD), time-

to-amplitude converter (TAC) and multi-channel pulse height analyzer (MCA) and finally 

(xiii) an Intel Pentium based personal computer for the control of the acquisition and data 

storage and analysis. Each of the components and its operation is described in detail in this 

section. Figure 7-2 depicts the placement of the patient and the compression plates in the 

magnet. The plates are mounted on an H-shaped holder designed to fit on the MR bed. 

 

 

 

 
Figure 7-1. Time-resolved instrument used in the clinical examinations. (see text for 

component description). 
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Figure 7-2: Patient placement in the MR scanner bore and the attachment of the 

compression plates holding the optical fibers. 

 

7.1.1 Light source and delivery. 

The Hamamatsu Picosecond Light Pulser (PLP) NIM module was used as the light 

source, having two laser diodes operating at 780 and 830 nm. The unit includes temperature 

feedback circuit for temperature drift compensation and a regulated drive circuit. The typical 

average power at the end of the delivery fiber was ~20µW for both the wavelengths used. 

The power employed is within the Food and Drug Administration (FDA) CLASS I 

classification and no special safety features were required for the operation of the 

instrument. The pulse repetition rate was 5Mhz and the output light pulse full width at half 

maximum (FWHM) for both diodes was ~50ps. The two wavelengths were time-

multiplexed using an electrical delay line between the diode driving circuits (so that the laser 

trigger pulses were delayed 12 ns relatively to each other) and coupled together with a 50/50 

fused coupler  (OZ optics LTD, Ontario, Canada).    

Time resolved measurements are very sensitive to the time t0 that the pulse was 

launched into the sample under measurement. For this reason a 95%/5% 100/140µm 

core/clad silica fused coupler (OZ optics LTD, Ontario, Canada) is used, to introduce a 

reference branch as shown in Fig. 2a and monitor the t0 simultaneously with any 

measurement. The reference channel can be either coupled alone to the 8th detector leaving 7 
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data channels available or simultaneously with the 8th fiber bundle. The reference fiber length 

was adjusted so the narrow peak does not interfere with the time-resolved curve in the time 

window. The 95% branch is connected to a DiCon Fiberoptics GP700 1x24 optical switch. 

The switch can be operated manually or through an IEEE 488.2 port. The switching time is 

~0.5 s and the typical insertion loss is 0.6 dB. The 10m long multi-mode graded-index 

Spectran 100/140 fiber guides are coupled to the optical switch via FC connectors. At the 

other end of the fiber, thin rods made of Delrin acetal resin were used to create 

connectors that mount the fiber on the compression plates.  

 

7.1.2 Light detection. 

Light was delivered to the detectors via eight 10m long fiber bundles (CeramOptec, 

MA). The bundles were made of 337 200/230 step index fibers (hard plastic clad, silica core 

Optran HWV), with a numerical aperture (NA) of 0.34. The active diameter was 5mm. The 

detector bundles were mounted on the compression plates as well. Fiber bundles were 

necessary to ensure delivery of sufficient light for detection. The bundles were attached to 

the detection module consisting of 8 detectors and 8 amplifiers each corresponding to one 

of the fiber bundles.  

 

Three types of photo multiplier tubes (PMT) from Hamamatsu have been tested and 

used: the H5783-01, the R4110U-05MOD 8 channel MCP-PMT and the R5600U-50 GaAs.  

 

H5783-01 PMT. 

Being the most economical choice of the three, the H5783 PMT has the additional 

convenience of a built-in high voltage power supply making it ideal for a general-purpose 

photosensor. However in time-resolved applications the typical transient time spread (TTS) 

can be more than 200ps which results in a significant broadening of the input signal. The 

typical average current amplification is of the order of 106 at -950V (-1000V max). However 

significant variation in the plateau gain among different modules was found. Such variations 

reached ~10dB for the modules purchased making virtually impossible to operate all the 

channels in the same dynamic range conditions maintaining optimum photon amplification. 
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Similar variation was found for the TTS values. The multi-alkali photosensitive material used 

has a cut off wavelength at 810nm making the detector unsuitable for operation at 830nm 

where cathode radiant sensitivity reaches 0.5 mA/W.  

 

R4110U-05MOD MCP-PMT 

MCP-PMT detectors have very attractive characteristics for photon counting mainly 

due to the short transient and transient time-spread features. The 8-channel R4110U-

05MOD module that was used has a typical TTS of 100ps per channel. The cross-talk 

between adjacent channels is of the order of 0.5%. Typical gain at -2700V (max -2800V) is 

also 106. The channel-to-channel gain variation is of the order of 4dB, therefore it is 

significantly lower than the H5783-01. The material of the photocathode is extended 

multialkali with radiant sensitivity (RS) of 15 mA/W at 780 nm and 7 mA/W at 830 nm.  

 

R5600U-50 GaAs PMT 

GaAs is a material with virtually flat quantum yield from 550nm to 850nm. The 

R5600U-50 detector yields a typical cathode radiant sensitivity (RS) of the order of 100 

mA/W for this region.  It is apparent that besides having an extended wavelength response 

this detector has also higher radiant sensitivity compared to the other two. Figure 7-3 depicts 

the photon count reflectance measurements on a solid model simulating the human breast 

optical properties, as a function of source-detector separation. In order to obtain comparable 

results the threshold is adjusted prior to the measurement so that the same dark current and 

background photon count is obtained from the sample. The R5600-50 GaAs demonstrates a 

significant higher gain compared to the other two detectors. The R5600U-50 uses a thick 

photosensitive layer, which is responsible for the high radiant sensitivity, but also results in 

high transient time spread (TTS) usually exceeding 300ps. The high TTS is the main 

disadvantage of the detector. Channel-to-channel gain variation is close to the MCP-PMT 

module. 

 

Hence, the selection of detector is clear. When long separations or high absorbing 

samples are under investigation the R5600U-50 GaAs PMT is the only viable solution due to 
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the increased radiant sensitivity. Conversely, whereas the signal to noise ratio allows, the 

R4110U-05MOD MCP-PMT detector is a better choice for photon counting measurements 

due to the small TTS. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 7-3 Amplitude versus separation for the three different detectors tested measured on 

a solid model. The absorption coefficient was µa=0.06 cm-1 and reduced scattering 

coefficient µs’=10 cm-1. The laser intensity was adjusted to give ~100,000 counts for the 

GaAs detector at 2 cm and left unchanged thereon. In order to obtain comparable results 

the threshold is adjusted prior to the measurement so that the same photon count is 

obtained from the sample when no light source is on. The increased quantum efficiency of 

the GaAs detectors gives a significantly higher signal compared to the other two detectors. 
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7.1.3 Photon counting system 

A typical time-correlated photon counting system is depicted as part of Figure 7-1 

(component xii). A single photon, hitting on the detector photosensitive cathode, yields a 

negative electrical pulse at the anode, with a probability equal to the quantum efficiency of 

the photosensitive material. This pulse, after amplification, is directed to the constant 

fraction discriminator (CFD). The CFD sets a low threshold (low-level discriminator LLD) 

rejecting pulses with amplitude below this threshold, in order to increase the signal to noise 

ratio of the detected signal and establish single events for each accepted pulse. Signal to 

noise improvement can be explained if we consider that while the output pulse height 

distribution of the signal has a Poisson distribution, the output pulse height distribution of 

the dark current takes the form of an exponential function biased towards the region of low 

pulsed heights. This is evident by making a pulse height analysis of the photo-detector 

output with the light signal turned on and off respectively. Therefore setting an appropriate 

threshold will reject a significant number of dark current photons but only a small fraction 

of signal photons. The best way to set the threshold is by trial and error. Occasionally the 

CFD can also apply an upper threshold (upper level discriminator ULD) rejecting pulses 

higher than this upper level value. Pulses, within the levels set by the CFD, switch on the 

charging of a capacitor in the Time-to-Amplitude Converter (TAC). The charging is stopped 

and reset by a trigger signal from the PLP indicating the initiation of a new pulse. This is 

known as stop-start configuration and is necessary to ensure initialization of the charging 

capacitor in every cycle since the laser pulse is periodic and regular where the signal pulses 

are coming randomly. Therefore, time delays are converted to voltages, which are detected 

by an analog to digital converter (ADC). The time resolved curve is obtained by plotting the 

distribution of photons for separate time intervals.  

 

For the time-correlated photon counting detection the SPC-300 photon counting 

card (Edinburgh Ltd, Edinburgh U.K.) was used. The SPC-300 integrates a complete photon 

counting system on a single AT-bus card. The system has a minimum time resolution of 

18ps and can in principle count up to ~106 counts due to a fast flash ADC in combination 

with an error-correction technique, which allows a virtual 10-bit resolution (1024 time bins) 



 

 135

under such speeds. With the use of a router the card has the capability to detect signals from 

up to 128 different input channels and direct them to corresponding memory blocks. When 

a pulse appears to a channel, the router assigns to it a reference address indicating the 

channel number and in consequence the memory block that the incoming pulse should be 

stored to. Using 8-channels an average of 12⋅104 counts/sec per channel can be obtained. 

This is more than sufficient for typical measurements on human tissue for the laser power 

used. Since the system operates in a reversed start-stop mode, much lower count rates can 

be measured. 

 

The LLD and ULD can be adjusted within the 5-80mV range in order to obtain 

optimum signal to noise ratio. Pulses above the ULD can still be detected if their duration is 

below 2ns due to the limited input circuitry bandwidth. The detectors described earlier give 

average pulse heights close to the minimum input requirement, especially the GaAs PMT. 

An amplification stage is necessary to ensure optimum interfacing of the photosensors to the 

SPC-300. We have used the C5594 Hamamatsu pre-amplifier with 36dB gain, 1.5 GHz 

typical upper cut-off frequency and an ACV 15D power supply (Astec America, 

Inc.Oceanside CA) with regulated output 15V/1.5A and 0.01%/0C temperature coefficient.  

The high gain gives the flexibility to interface the detection module to photon counting 

systems with different input pulse specifications.  In order to interface properly the amplifier 

outputs to the SPC-300, SMA attenuators at 2GHz and 50 ohms  (Pasternack Enterprises 

Irvine CA) have been employed. We use different attenuation values depending on the 

current gain of each individual detector in order to compensate for the current gain 

variation. In the case of the H5783 and MCP-PMT we use additional attenuators to couple 

the detector to the amplifier to avoid saturation of the amplifier.  

 

 

7.1.4 Compression plates 

The soft compression plates are shown in Figure 7-4 and are attached to the patient 

as shown in Figure 7-2. They are made of PVC material and bear both the MR coils 

[110,111] and the optical fiber holders. The medial plate can support up to 31 source fibers 
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and the lateral coil holds the 8 detector fiber bundles. Specially designed capillaries are filled 

with a solution of water and copper sulfate to mark the exact location of the plates on the 

MR 3D images. The plates apply soft compression on the both sides of the breast to ensure 

contact of the optical fibers onto the skin but without affecting the blood supply or blood 

volume of the breast. The medial plate is fixed and the lateral plate is mounted manually via 

a rail of preset positions. Special care is taken so that the medial and lateral plates are parallel 

when mounted. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 
 
 

Figure 7-4:  Soft compression plates. (a) medial plate with fiducial markers (i)  source fiber 

holders (ii) and MR phased array coils(iii) (b) Lateral plate holding the detector fibers (iv), 

fiducials and MR coils. 
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7.2 COMPONENT PERFORMANCE 

7.2.1 Impulse response  

Figure 7-5 depicts instrument impulse responses for the two wavelengths and for the 

three detectors used. The measurements were obtained by abutting the source and detector 

fibers, the so called “instrument function” measurement. The full width at half maximum 

(FWHM) values vary depending on the detector used. Contributions to this pulse dispersion, 

besides the detectors, are the PLP (~50 ps), the step-index detection fiber bundles (~200ps) 

and the graded index source fibers, attenuator and photon counting system electronics jitter 

(~40 ps altogether).  

 

7.2.2 Pulse dispersion 

The large numerical aperture of the step-index detection fibers allows a large number 

of waveguide modes to be excited. Using a laser source with a low spectral width (~10 nm) 

the dominating dispersion will be the modal dispersion, a result of the differences in the 

group velocities of the modes [112].  

 

With indexes of refraction ncore= 1.4533 and nclad=1.4130 at 200C and 800nm and 

numerical aperture NA=0.34 the fractional refraction index change is 

 

0277.0
1

21 =
−

=∆
n

nn , ( 7-1) 

 

and the expected time dispersion FWHM when all modes are excited is 

 

ps
c
L

n
T 300

4
≈∆=σ , ( 7-2) 

 

where cn=c0/n1 is the speed of light into the core and L the fiber length.  
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Figure 7-5: Instrument function measurement for the three detectors tested for the two 

wavelengths employed. The MCP-PMT demonstrates the lowest FWHM followed by the 

H5783-01 extended multi-alkali PMT and the GaAs PMT. The significant width of the 

instrument impulse response, unavoidable due to the necessary length of the detection step-

index fiber bundles, is later corrected by performing deconvolution. 
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Experimental measurement of the fiber bundles’ dispersion, however is 100ps lower 

than the theoretical calculation, indicating that not all the modes are typically excited. Shining 

laser light into the bundle from different angles (0 to 40 degrees range) results in a pulse shift 

or shape change of the order of 80ps as shown in Figure 7-6a verifying the above 

observation. Uncertainty of that order is undesirable for accurate measurements, as indicated 

in Chapter 4. Our homemade plastic fiber tips on the other hand do not guarantee exact 

positioning and shining angle when repeating a measurement, leading to time and amplitude 

shifts. To reduce such uncertainties light collimation is performed using MgF2 coated, Plano-

Convex lenses, 12mm diameter and 9.76mm back focal length (Edmund Scientific) encased 

in a special instrument-function measurement holder, as shown in Figure 7-6c. Light 

collimation, besides eliminating dispersed-pulse shifts and shape changes, also results in 

excitation of a lower number modes and reduction of overall pulse dispersion in the 

detection fiber bundles. Figure 7-6 b depicts the instrument function measurement when 

using the lens and demonstrates the narrowing effect at the pulse width of the instrument 

function. Practically, the lens holders are used for evaluation or calibration (i.e. warm up or 

jitter) measurements when narrow pulses are required for accurate time shift determination.  

 

 

7.2.3 Calibration  

There is a significant amplitude and time delay variation among the channels due to 

detector gain and fiber guide length variation. Such variations are recorded by measuring the 

instrument function for all source-detectors combinations. The measurements are made in 

the presence of the reference channel. All future measurements are being done using the 

same reference channel in order to be able to correct for laser drift and jitter. Curve fitting 

the reference channels of the instrument function and data files, with respect to amplitude 

and time delay, recovers the t0 at the time of measurement. 
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Figure 7-6: Effect on the instrument function measurement due to fiber bundle illumination 

at different angles. (b) Light collimation eliminates the effect and reduces the dispersion of 

the pulse in the detector fiber bundles. The decrease of the time dispersion is around 180ps 

for all detectors. (c) holder used for light collimation. 
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7.2.4 Instrument noise 

The main parameters that may affect the accuracy of the spectroscopy and 

tomography are time uncertainties and amplitude uncertainties as was described in chapter 4. 

Time uncertainties include the pulse launch-time drift and the random launch-time 

fluctuation or jitter which translate to timing differences of the trigger pulse and propagation 

uncertainties in the photodetector and electrical and electronic components. These time-

differences result in temporal noise between the data measurements and the instrument 

function recording or between the data measurements obtained at different times as when 

performing differential measurements. Allowing for 60 min of warm-up may significantly 

reduce laser drift problems. Laser drift can be further accounted for by using the reference 

measurement. However the jitter, which is determined after the warm-up period by 

monitoring the time position of the time-resolved curves’ maximum as a function of time, is 

always present. Typical drift and jitter of the instrument function and reference curve vs. 

time, observed at room temperature, is plotted in Figure 7-7. Jitter is determined after the 

warm-up period by monitoring the time position of the time-resolved curves’ maximum as a 

function of time. Instrument function measurements are made using the holder with the 

collimating lens to ensure a narrow, well-defined peak maximum. The average jitter of the 

instrument was ~25ps and it did not generally correlate with the reference fiber branch, 

therefore it cannot be accounted for and it practically defines the time-uncertainty of the 

instrument.  

 

Other instrument uncertainties that affect spectroscopic and tomographic 

performance are the light intensity fluctuations.  Amplitude stability was characterized by 

repeating the impulse response measurement and monitoring the fluctuation of the time-

resolved curve maximum (after median-filtering to reduce shot noise) at an average of 

10,000 counts at room temperature. The fluctuation was found to be ~1.5% at 10sec of 

integration time. 
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Figure 7-7: Warm-up drift and jitter of the instrument function and reference channel 

measurement for the 780 nm PLP. The warm-up period lasts almost an hour. Typical jitter is 

around 25ps and is determined after the warm up period. 

 

 

7.2.5 Time versus frequency domain 

Time domain methods yield data with much greater information content than single 

frequency or continuous wave (CW) measurements, which is necessary especially for 

absolute quantification measurements. The equivalent in the frequency domain would be 

multiple frequency laser modulation by using a frequency sweeper. In principle time-domain 

and frequency-domain at multiple frequencies are equivalent. Although greatly dependent on 

the specific instrument characteristics, generally, t0 calibration issues become initial phase φ0 

determination (see Chapter 3 and 4) with similar practical limitations and accuracy 
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needs averaging time to yield satisfactory signal to noise ratio where a phase instrument 

needs time to scan a range of frequencies.  

However a great advantage of the time domain instrument is that it operates with 

only a small fraction of the laser power that phase instruments use [114]. This allows time 

domain instruments to operate in the FDA CLASS I limit of 20-40µW [115] category where 

no additional safety features are required, which simplifies the design and eases the 

acceptance of the instrument in a clinical environment. 

 

 

7.3 Tomographic performance 

This section evaluates the tomographic performance of the instrument with 

appropriately selected diffuse models that mimic the average optical properties of the breast. 

7.3.1 Methods 

The model employed was a 25 × 15 × 7 cm3 black PVC fish tank, filled with 

Intralipid (Kabi Pharmacia , Clayton NC)  emulsion. Intralipid is a polydisperse suspension 

of fat particles ranging in diameter from .1µm to 1.1 µm and serves as the scattering 

background medium. Nine sources and five detectors were attached through the material on 

the two opposite sides of the fish-tank as shown in Figure 7-8. Both source and detector 

fibers come in face with the inner surface of the fish tank walls. Baseline measurements from 

the intralipid suspension, for all source-detector pairs were obtained prior to introducing 

local inhomogeneities. Subsequently, absorbing and scattering cylinders were submerged into 

the solution and the same source scanning was performed. Data acquisition was 10 sec for 

each selected source.  

 

The perturbative analysis presented in §5.1 using the Rytov approximation was used 

to formulate the forward problem for five selected frequencies at 80, 160, 240, 320 and 400 

Mhz. The 12.5 × 7 × 1 cm3 mesh selected for the reconstructions is also shown in Figure 7-8. 

The voxel size was 0.41 × 0.50 × 1.0 cm3. Reconstruction was performed for a single plane 
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perpendicular to the z-axis. Matrix inversion was performed using the simultaneous iterative 

reconstruction technique (SIRT) [56]. Only the real part of the measurements was used, 

since the imaginary part (corresponding to a phase measurement) is greatly affected by 

instrumental time-uncertainties. For all images produced, median filtering (kernel size 3 x 3) 

followed by cubic spline interpolation was performed to improve the presentation.  

 

 

 

 

 

 

 

 

 

 

 

 

Figure 7-8: Top view of the experimental set-up and mesh used for the reconstructions. The 

background absorption and scattering coefficients were 0.025cm-1 and 5 cm-1 respectively. 

The thick line circle represents a cylindrical 0.8 mm diameter absorber (µa=0.1 cm-1 and 

µs’=5cm-1) permanently fixed in the position shown, where the double thin line object 

indicates a second, similar absorber that was moved along x to investigate resolution limits. 

The voxel size was 0.41 x 0.50 x 1.0 cm3. 

 

7.3.2 Absorption objects 

 Absorption objects were constructed using 8mm diameter transparent thin-plastic 

cylinders. The cylinders were filled with 0.5% intralipid solutions matching the background 

scattering medium and 21µl/l of India Ink (3080-4 KOH-I-NOOR Inc. Bloomsbury 

NJ08804) to induce an absorption coefficient of 0.1 cm-1.  A single cylinder was initially 

7 cm

detectors

1.25 cm

2.5 cm

x

y

12.5 cm

z sources



 

 145

submerged into the intralipid solution. The cylinder was placed at a plane parallel to the fish 

tank walls that hold the sources and detectors, and passing through the center of the slab as 

shown in Figure 7-8. The depth was selected so that the cylinder was passing through the 

source detector plane.  

 

Figure 7-9: Experimental imaging of the absorption coefficient. (a) Resolving the 

permanently fixed absorber with no other object present.  (b) Resolving two similar 0.8 mm 

diameter absorbers 3 cm apart 

 

The image, obtained after 5000 iterations of the algebraic reconstruction, is shown in 
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the reconstructed object is within 20% of the real object size.  The size along y however 

(measured again as the FWHM of the object), is almost two times the size of the real object. 

This is typical for this type of “transmittance” geometry reconstructions. The wrong 

estimation along y is expected to improve as the object moves towards the center of the 

reconstruction mesh. Finally assuming that after 5000 SIRT iterations convergence has been 

achieved, the quantification of the objects’ absorption coefficient is within 20% of the 

expected value as demonstrated here (taking under consideration volumetric uncertainties as 

well).  

A second cylinder, identical to the first one, was subsequently immersed into the 

same set-up at 1cm, 2 cm and 3 cm away from the original object at the middle plane of the 

fish-tank, along the x-axis. The reconstruction configuration used to image the single object 

was also employed to image the two absorbing cylinders. The same inversion scheme was 

applied as for the single cylinder case. Figure 7-9b depicts the reconstructed result for the 

two objects for 3 cm separation. The 3-dimensional view of this reconstruction result is 

plotted in Figure 7-10a. Again the position of the original object is accurately reconstructed, 

however the position of the second object has an offset of 2 mm since there are “discrete 

position” cells forced by the selected mesh. Quantification lies within the same accuracy 

limits as in the single object case. 

 
Figure 7-10b demonstrates the profiles of the reconstruction for the cylinders at 

different separations. The profiles are drawn along the x-axis passing through the center of 

the image as shown in Figure 7-10a. The cylinders are clearly distinguishable for separations 

2 and 3 cm. At 1 cm separation, the reconstruction resolves only one object with a wider 

FWHM. In this last case the clear separation between the two 0.8 mm dia. cylinders is only 

2mm, which is apparently not resolved by the imager. The diffusion equation predicts a 

banana shape photon distribution pattern [116], clearly indicating that the maximum 

diffusion occurs at a position that is farthest from both the source and detector location. 

Therefore the resolution limit for transmittance geometry is going to be set by the 

differentiation ability of the technique along an equidistant layer, parallel to source and 

detector planes and is not constant for all positions. The experiment performed here is a 

worst resolution case. 
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Figure 7-10: Three-dimensional view of Figure 7-9b. (a)The result is depicted with half the 

resolution of the reconstruction grid for rendering clarity  (b) Image profiles along the layer 

indicated in (a). Curve (i) depicts the profile for one absorber in the medium, curve (ii) is for 

a second absorber immersed into the medium 1 cm apart and curves (iii), (iv) and (v) for the 

absorber moved 2 cm, 3 cm and 4 cm apart respectively. 

 

7.3.3 Scattering objects  

 The same intralipid model and experimental set-up used for the absorbing objects, 

was employed to investigate the ability of the instrument to resolve scattering objects. Two 

plastic cylinders, similar to the ones used to simulate absorption objects, were filled with 

0.2% solution of intralipid (µs’=20cm-1) and immersed into the intralipid medium at the same 

position as in the absorbing object case. The reconstructed image obtained for two objects at 

3 cm separation, and the profiles along the x-axis for all positions, are depicted in Figure 

7-11a and Figure 7-11b respectively after 7000 iteration steps. The resolution performance is 

similar as in the absorption case. The quantification typically achieved was within 30% of the 

expected value.   
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Figure 7-11: Imaging the reduced scattering coefficient for the set-up depicted in Figure 

7-8. (a) Resolving two similar 0.8 mm dia. scatterers 3 cm apart. The optical properties of the 

scatterers were µa=0.025 cm-1 and µs’= 20cm-1. (b) Image profiles along the profile layer 

indicated in Fig 6.13a. Curve (i) depicts the profile for one scatterer in the medium, curve (ii) 

is for a second scatterer immersed into the medium 1 cm apart and curves (iii), (iv) and (v) 

for the scatterer moved 2 cm, 3 cm and 4 cm apart respectively. 
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Figure 7-12: Simultaneous reconstruction of absorption and scattering objects. (a) 

Experimental set-up and mesh used for the reconstructions. The optical properties of the 

absorbers are µa=0.1cm-1, µs’=5cm-1, of the scatterer µa=0.025 cm-1 µs’=20cm-1 and of the 

background µa =0.025 cm-1, µs’=20 cm-1. (b) Reconstructed absorption image. (c) 

Reconstructed scattering image. 
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7.3.4 Absorbing and scattering objects  

A measurement was performed with the same tank filled with IL and containing two 

absorbing objects (µa=0.1cm-1) and one scattering object (µs’=20cm-1) immersed into the 

medium at positions shown in Figure 7-12a. The values of the objects were selected so they 

are four times higher than the background medium values (µa= 0.025cm-1, µs’= 5 cm-1). 

Using the same reconstruction parameters as previously, 15,000 iterations were needed to 

simultaneously reconstruct the absorption and scattering images shown in Figure 7-12b and 

c respectively. The absorbing and scattering components are virtually completely separated. 

The increased number of iterations required to obtain this result has also produced objects 

with smaller dimensions and higher reconstructed values than in the single perturbation case 

of Figure 7-9 and Figure 7-11, which is an anticipated result due to the nature of the 

algebraic reconstruction algorithms.  

 
 

7.3.5 Signal to noise performance on volunteers. 

Measurements were performed on 4 volunteers, to investigate the signal to noise 

ratio (SNR) obtained and instrument compatibility issues with the MR scanner. The 

volunteers were from the Caucasian and African race and the age varied from 23 to 71 yrs 

old. The selection of volunteers was done so denser breast tissue as in the case of the young 

volunteers and dark skin was included in the study. All scans were performed using the 

GaAs detectors.  

 

SNR values vs. separation are shown in Figure 7-13, for all volunteers. The signal to 

noise ratio in photon counting mode is calculated by [87] 

 

)(2 NdNbNs
TNsSNR

++
= , ( 7-3) 
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where Ns is the number of counts per second resulting from incident light per second, Nb is 

the number of counts resulting from background light per second, Nd is the number of 

counts resulting from dark current per second and T is the measurement time (sec). The 

measures Nb, Nd can be experimentally measured when no “real” signal is impinging upon 

the photocathode. The number Ns can be calculated as the subtraction of Nb+Nd from the 

total number of counts. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 7-13: Signal to noise measurements from 4 volunteers as a function of separation. 

The results depicted here are for 1 sec acquisition time. Averaging increases the signal to 

noise ratio by the square root of the acquisition time. Volunteer 1 was African American and 

volunteers 2,3 and 4 were Caucasian. 

 

 

The results demonstrate satisfactory signal to noise ratios even for separations up to 

10 cm, especially considering that these results can improve by increasing the acquisition 

time. Furthermore the measurements did not show significant variation for the different ages 
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or skin color in terms of the SNR achieved. Neither the MR nor on the DOT scan 

encountered interference problems during the 4 trials. 

 

 

7.4 Spectroscopic performance 

 

We demonstrate the spectroscopic sensitivity, accuracy and inter-channel variations 

of the instrument using model measurements. Two types of models were used: 

 

Similarly to the models used for tomography, the first type utilizes suspensions of 

Intralipid (Kabi Pharmacia , Clayton NC)  emulsion and India Ink (3080-4 KOH-I-NOOR 

Inc. Bloomsbury NJ08804) diluted in water in a 40 × 50 × 60 cm3 “fish-tank”. By diluting 

Intralipid the scattering properties (reduced scattering coefficient) of the model are 

controlled. Addition of India Ink changes the model absorption. For all measurements the 

sources and detectors were submerged into the solution using special holders in order to 

simulate infinite media.  

 

The second model employed was a solid mold made of clear casting polyester resin 

(ETI Fields Landing CA). Titanium Oxide TiO2 particles (SIGMA St. Louis MO) were 

suspended in the resin before the addition of catalyst. The particles furnish scattering 

properties to the model, while the addition of India ink adjusts the absorption. Thus 

appropriate molds can be constructed resembling specific tissue optical properties. 

 

 Figure 7-14 depicts a typical time-resolved curve through 0.5% intralipid solution for 

source-detector separation of 7 cm in transmittance geometry and the associated instrument 

function measurement. The high signal to noise ratio obtained in measurements like this 

allows very good fitting results that render the fitted curve and the real measurement 

virtually indistinguishable. The inset depicts the residual between the real measurement and 

the result of the fitting procedure. 
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Figure 7-14: Time resolved curve s(t) aqcuired for a source detector separation of 7cm 

through 0.5% intralipid solution and the associated instrument function h(t).  The inset 

shows the residual between the measured curve and the result of the fitting process. 

 

 

7.4.1 Absolute absorption measurements 

Figure 7-15a shows fitted µa and µs’ values of a single source detector pair 

submerged into a 0.5% IL solution. The medium absorption changes are induced by adding 

2.11µl of India Ink in every liter of 0.5% intralipid solution for every step. The extinction 

coefficient of the ink was measured in a photospectrometer (Hitachi U2000) and absorption 

coefficient values were calculated and plotted in the same figure. Both the calculated and 

fitted absorption values were due to water and ink absorption combined. The range of 

absorption values was selected to represent absorption properties found in human tissue 
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[117]. The deviation of absolute µa values from the theoretically calculated ones, especially in 

the higher absorption range, arises when the time resolved-curve FWHM becomes narrower 

and hence comparable to the instrument function width. Then the fitting procedure 

becomes more sensitive to convolution, time drift and jitter errors (see chapter 4). The 

reduced scattering coefficient is also plotted to demonstrate the observed cross talk of 

absorption changes to scattering changes. The observed cross-talk may be due to fitting 

errors.  

 

 

7.4.2 Absolute scattering measurements 

Figure 7-15b depicts experimental determination of changes of µs’ as a function of 

scatterer concentration. In this experiment concentrated IL (20%) was added incrementally 

to a 0.5% IL solution in order to vary the scattering properties of the medium from 5 cm-1 to 

13 cm-1. No ink was added. The range of reduced scattering coefficients was similarly 

selected to be close to the typical values of human breast. Absorption coefficient values are 

plotted to demonstrate µa – µs’ cross-talk in the case of scattering changes. Again the 

observed cross-talk may be due to fitting error. 

 

7.4.3 Quantification of absorption changes  

 Intralipid solution was used again to simulate the scattering background at µs’ ~5 

cm-1. A measurement obtained from the solution with no ink added constituted the baseline 

measurement. Subsequently small quantities of India ink (0.211 µL/L) were added to induce 

absorption increments of ∆µa=10-3 cm-1. Absorption differences between the baseline and 

the subsequent measurements were calculated using Eq.( 4-20) and the result is shown in  

 

Figure 7-16 as a function of ink concentration. The experimental data verify the 

simulated data of Figure 4-14. The error of the experimental measurement is approximately 

double that of the simulation due to issues related with the amplitude stability of the laser.   
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Figure 7-15: Experimental spectroscopic data on phantoms. (a) Measurement of absorption 

and scattering coefficient as a function of ink concentration in a .5% Intralipid- India Ink 

solution at 780 nm and 830 nm. (b) Measurement of scattering coefficient as a function of 

IL concentration. The background absorption is due to water. Absorption-scattering 

coefficient cross talk is probably due to fitting error. 
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Figure 7-16: Measurement of absorption changes using Eq.( 4-20) induced in a  0.5% 

Intralipid solution, by adding India Ink at 780 nm and 830 nm. Real absorption change 

values are derived theoretically from the ink extinction coefficient measured with a 

spectrophotometer. 

 

7.4.4 Inter-channel variation 

In order to examine the inter-channel variation we have performed measurements on 

a homogeneous resin model with µa=.05 cm-1 and µs’=8 cm-1 using reflectance geometry, 

using 7 sources and 4 detectors. Figure 7-17 depicts the scattering and absorption coefficient 

distribution calculated for all source-detector pairs used for the 780nm. Similar behavior is 

observed for the 830nm. Inter-channel variation is within ±5% of the mean calculated value 

for all channels, and within ±3% if only the short separation (and therefore good signal to 

noise ratio) pairs are considered.  

 

Inter-channel variation was also examined when absorption differences were 
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transmittance geometry. The scattering medium was 0.5% Intralipid solution and 0.01cm-1 

absorption changes were induced by adding India Ink as before. The absorption differences 

at 780nm, calculated for different channel, are plotted as a histogram in Figure 7-17c. Inter-

channel variation in this case is below ±2%, which can be attributed solely to laser amplitude 

variations and signal to noise ratio.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 7-17: Inter-channel instrument variation in spectroscopic measurements. (a) Variation 

of absorption coefficient. (b) Variation of the scattering coefficient (c) Inter-channel 

variation in calculating absorption differences from an IL model.  
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7.5 Discussion 

The diagnostic utility of a modality is often directly related to the resolution it can 

achieve. The imager developed has poor resolution compared to other modalities used in the 

radiological arena due to the diffuse nature of light, the experimental uncertainties and noise 

and the limited number of sources and detectors. However one has to consider the source of 

the contrast for the specific modality. In the case of cancer diagnosis the differentiating 

signatures are the increased blood volume, the hypoxic state of the lesion or the induced 

contrast due to the injection of a contrast agents [118]. Therefore there are novel 

distinguishing criteria that introduce new information to cancer diagnosis. It is not the 

anatomical and structural detail that is in pursuit but rather local functional characteristics of 

the volume under investigation. And the optical method seems quite sensitive in this role.  

 

Clinical measurements induce impediments not present in the laboratory tests.  

Baseline measurements are a necessity in diffuse optical tomography (see §5.3). 

Measurements on models and phantoms provide an easy way to obtain baseline 

measurements as described above, because of the availability of a “background” medium. 

However breast measurements impel a difficulty. The easiest case is the one of extrinsic 

contrast since the measurement before the injection may be considered as the incident field. 

For imaging the oxygenation and vascularization state, measurements on a solid resin model 

with known optical properties, after the breast examination, is a possible method to obtain 

the reference signal. In this case the baseline may be obtained from a medium with different 

optical properties than the breast measured and potentially different geometry. Correction 

for the background optical properties and geometry differences may be required similarly to 

the method proposed in §5.4. (The method in §5.4 corrects only for absorption coefficient 

changes, but its modification to account for scattering and geometrical differences is 

straightforward as seen in §6.1.1). Such corrections however could introduce additional 

errors due to experimental uncertainties in the measurement of the properties required for 

the correction.  Other methods where adjacent source detector pairs are used to obtain the 

incident field and self-calibrate the approach have also been proposed [55]. 
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This chapter discussed the specifics of a time-resolved optical tomographer, 

developed for detection and calculation of local optical variations. The sensitivity of the 

instrument has been shown to be suitable for small optical signals expected from breast 

lesions. Localization accuracy within the geometrical limits of the selected reconstruction 

grid has also been demonstrated. Quantification of absolute absorption and scattering 

coefficients exhibits linear response for the range encountered in biological applications. The 

error of the absolute quantification has been found to be ± 5% and is attributed to laser 

jitter, photon dispersion in the detection system, experimental uncertainty and theoretical 

approximations. Quantification of absorption changes, under the assumption of invariable 

scattering background, has been shown to attain accuracy of the order of 10-3 cm-1. The 

limitations here were mainly due to laser instabilities.  
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8 Clinical Implementation 
 
 
 

 

 

 

This chapter serves as the link between the theory and instrumentation presented in 

the previous chapters and the simultaneous DOT-MR clinical study. Since 1997 the time-

resolved imager developed (see Chapter 7) was coupled to the 1.5T HUP5 Magnetic 

Resonance Scanner of the Hospital of the University of Pennsylvania and studied 4 

volunteers and 20 patients that had a suspicious X-ray finding. Some of the specific issues 

that made this study possible are presented in this chapter. Section 8.1 describes the 

experimental protocol and its relevance to the theory of chapter 5 and chapter 6. Section 8.2 

describes the MR image retrieval and MR image processing and the specific software tools 

developed to obtain the MR-DOT coregistration.  

 

8.1 Examination protocol 

 
The simultaneous MR and DOT study and informed consent form were approved 

by the institutional review board, and the investigation was conducted in full compliance 

with the accepted standards for research involving humans. Except for control cases, 

patients entering the study had a previous suspicious mammogram or palpable lesion and 
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were scheduled for excisional biopsy or surgery. Written informed consent was obtained 

from all participants.  

 

8.1.1 Magnetic Resonance Imaging  

The MR studies were performed in a 1.5 T imager (Signa; GE Medical Systems, 

Milwaukee, Wis), version 5.4 software. The body coil was used as the transmitter and a 

custom-built multicoil consisting of four coils constructed on the two soft compression 

plates [111] served as a receiver.  

 

Patient placement followed standard procedures used for the MR examination. The 

patient assumed the prone position (see Figure 7-2 ) with the breasts falling away from the 

chest wall and into an H-shaped coil holder as described in §7.1 . The two compression 

plates were positioned parallel to the sagittal plane and ensured contact of the optical fibers 

onto the tissue.  

 

The simultaneous examination protocol is depicted in Figure 8-1. The MR imaging 

protocol consisted of i) an axial T1 spin-echo sequence SE (TR/TE 500/14 FOV 24) 

localizer, ii) a sagittal T1-weighted spin-echo sequence SE (TR/TE 500/14 FOV 16), iii) a 

sagittal T2-weighted, fat saturated fast spin-echo sequence FSE (TR/TE 5000/120 FOV 16) 

and iv) a sagittal 3-D, fat saturated gradient echo GRE sequence (TR/TI/TE 9.3/27/2.2, 

acquisition matrix 512x512 FOV 16 slice thickness 2.5-3). The last sequence (iv) acquired 

one pre-Gd and three post-Gd sets of images to investigate the Gd enhancement and 

kinetics. Gadolinium was administered intravenously at 0.1 mmol/kg.  

 

The DOT examination protocol had two parts. The first part ran simultaneously 

with the MR protocol. First a measurement with the laser light off was performed to obtain 

dark current and background light noise. Then the light power was adjusted and all sources 

were scanned to obtain the breast baseline (SET I). During the post-Gd period the DOT 

protocol selected 6 sources close to the suspicious region and scanned them during SET II. 

This measurement acquired the total field ),,( ωφ srr rr′ of Eq.( 5-17). The selection of the 
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sources was based on the information for suspicious lesions produced by the post-

gadolinium MR images. At the end of the MRI protocol, the first optical source of the 

chosen six was selected to continuously acquire data at ~10 sec intervals (SET III). Then a 

bolus of sterile ICG (SERB, France) was injected intravenously at 0.25 mg/kg. Three 

minutes after injection, a scan of the remaining 5 sources was performed (SET IV). Finally 

the input light was directed again to the first source for an additional 1 minute of data 

acquisition at ~10 sec intervals (SET V). The measurements of SET IV and the first 

measurement of SET V acquired the total field ),,( ωφ srr rr′′  of Eq.( 5-19). The overall 

examination lasted 25 min (20 min for MRI/DOT and 5 min for ICG-enhanced DOT). At 

the end of the examination protocol a calibration optical measurement was acquired for all 

sources on a specially constructed resin model with typical optical properties and dimensions 

of a human breast (SET VI) that can be used in combination with SET I to image intrinsic 

breast optical properties. 

 

 
 
 
 

Figure 8-1: Examination Protocol for the simultaneous DOT-MRI study. 
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8.1.2 MR Image Retrieval 

  

MRI images were retrieved from the research MRI scanner HUP-5 of the Hospital 

of the University of Pennsylvania using the General Electric GINX X-windows software 

tool. The images were transferred in accordance with the privacy and security guidelines 

suggested by the department of Radiology of the Hospital of the University of Pennsylvania 

and stored for processing on a Windows NT based workstation.  

 According to the MR protocol described above and in Figure 8-1, four sets 

of images are obtained from the MR examination as follows: 

 

a) One set of 256 x 256 axial localization T1-weighted Spin Echo multi-slice images 

with ~5mm slice thickness 

b) One set of 256 x 256  sagittal anatomical T1-weighted Spin Echo images with ~3 

mm slice thickness. 

c) One set of 256 x 256 sagittal fat-suppression T2-weighted Fast Spin Echo multi-

slice images with ~ 4mm slice thickness 

d) One set of 512 x 512 sagittal 3-D gradient echo images with ~3mm slice thickness 

before Gd injection and three similar sets following Gd injection.  

 
 
 

8.2 Coregistration 

 
 Coregistration with the MRI images was a key feature of the aims of this 

study. DOT needed to be validated with the underlying structure, pathology and functional 

activity of the tissue under investigation. The simultaneous examination allowed for the 

direct comparison of NIR and MR contrast under the exact same geometry and 

physiological conditions. Furthermore image coregistration was by definition needed for the 

use of the MR a-priori information according to the theory described in §5.6. Breast is an 

organ of high plasticity and it is very likely that non-simultaneous examinations will not be 

geometrically accurate for such an approach.  
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Coregistration is based on the H2O-CuSO4 filled fiducials mounted on the 

compression plates as described in §7.1. Those fiducials appear on the MR images as bright 

spots, shown in Figure 8-2. The center of the fiducials is retrieved via image post-processing, 

usually on the GRE images that offer the highest resolution of the study. To perform the 

coregistration, specific software tools were developed. The code was programmed in C and 

C++. The program can load a clinical examination and allows the user to interactively 

identify the fiducials on the MR images and define the reconstruction mesh, lesions of 

interest and perform simple image processing tasks. Some of the features are more 

analytically described below. 

 

 

 

Figure 8-2: Appearance of the compression plates’ fiducial markers on MR images. 

 

8.2.1 Geometry Assignment.  

Figure 8-3 shows the appearance of the software with a clinical examination loaded 

and the main control panel called “ Image Analysis ”. The image here is shown negated: the 

CuSO2-H2O fiducials appear as dark spots. The user can select these spots with the mouse in 

order to input their position in the 3-dimensional space. The process is performed for the 

Source plane Detector plane
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source and detector plane. The software automatically then calculates the position of the 

sources and detectors relative to the breast.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 8-3: Image analysis software tool used for geometry retrieval and for constructing the 

DOT, DOS and localized DOS forward problem (screen 1). 

 

Figure 8-4 shows a slice taken from the middle of the breast. The position of the 

sources and detectors has been calculated and is superimposed on the image (the triangles 

indicate sources and the circles indicate detectors). The user can also interactively define the 

volume to be reconstructed and the mesh parameters. Although semi-automatic 

segmentation can be performed, as will be described in the next paragraph, the user can also 

manually identify lesions of interest that are stored as special structures and can be later 

fitted for optical property retrieval (when the MR-apriori information is used). Therefore all 

the geometrical parameters are calculated and can be stored. 
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Figure 8-4: Image Analysis Tool (screen 2).  The mesh properties and suspicious lesions can 

be manually chosen by the user. 

 

8.2.2 Segmentation.  

MR image segmentation or feature extraction is needed for the purposes of using the 

MR a-priori information as described in §5.6. The software developed can aid in segmenting 

basic breast tissue structures, such as skin, adipose, glandular and parenchymal tissue based 

on intensity information. Smaller, more specific tissue structures, such as suspicious masses 

or veins can be assigned manually.   

 

Feature extraction, based on the anatomical information of the MR images, is 

performed under the assumption that same types of tissue will have brightness (intensity) 

levels very close to each other. This assumption works reliably when the MR field and the 

radio-frequency excitation and detection are fairly homogeneous so that the MR images do 

not have intensity variations. However it is common that intensity variations along the image 

Detector position
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arise, especially due to radio-frequency field inhomogeneity. When this occurs the images are 

treated with an algorithm that is described in the following subsection. We note that 

multilevel thresholding is quite rudimentary for high-resolution highly specific segmentation, 

but quite efficient for the DOT a-priori use requirements.  

 

 

Figure 8-5: Automatic segmentation result using the Image Analysis Tool. Segmentation was 

performed based on MR-image intensity information after any intensity variations along the 

image are treated using image processing tools (see next subsection). 

 

 

Multi-level thresholding is employed for tissue differentiation on the sagittal spin-

echo images (MR set 2). Analysis of the FSE images can provide more detailed information 

about the underlying structure since fat suppression usually reveals in more detail the 

glandular infrastructure but were not used in this work. Finally with the aid of the GRE sets 

the suspicious lesions can be identified based on their Gd-enhancement and introduced to 

the segmentation process manually. The user has the ability to identify certain areas of 

choice to be treated as different tissue types. This gives the flexibility to manually interfere 

Adipose    Tissue  
Glandular Tissue
Mixed       Tissue

Adipose    Tissue  
Glandular Tissue
Mixed       Tissue

Adipose    Tissue  
Glandular Tissue
Mixed       Tissue



 

 168

and indicate areas where it is postulated that special care should be taken as in the case of 

veins, or areas that look suspicious but were not retrieved by the automatic segmentation 

process. In practical terms the code groups together all the MR image voxels that belong to 

the same DOT mesh voxel and creates a histogram of the average intensity of each group. 

Obviously the total number of incidences in the histogram equals the number of DOT 

voxels. Then thresholding is assigned by indicating cut-off points on the histogram, as 

shown in Figure 8-5 where the segmentation result for one case is presented as it appears on 

the computer screen. The x-axis of the histogram is intensity value (0 to 255). The histogram 

is calculated for the whole volume, not just the slice shown. In this example three structures 

have been segmented: adipose tissue, parencymal tissue and mixed-type tissue, which 

indicates voxels that contained both tissue types. The right most part of the histogram 

corresponds to noise. 

Segmentation is combined with the results of the geometry assignment process to 

create the geometrical description of the volume of interest, the underlying structures and 

the tomographic arrangement. This information can be used for tomography or localized 

MR-guided spectroscopy as described in the following chapter.  

 

 

8.2.3 Intensity Correction 

Intensity correction is a very important process to ensure that the multi-level 

thresholding, which was described in the previous paragraph, will work efficiently. Intensity 

correction procedures have been employed to treat MR images that appear to have slice to 

slice or interslice intensity variations. Two types of intensity correction are performed on the 

MR images using routines developed under the Matlab environment (Mathworks MA).   

 

The first intensity correction occurs at the single slice level and accounts for intensity 

variations along the slice. The intensity correction is applied on median filtered images (to 

reduce shot noise) and uses the rank leveling procedure [119]. After this step has been 

completed for all slices, the second intensity correction is performed in the inter-slice level 

where all slices of the set are corrected to the same average intensity level based on the 
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histogram properties. This second intensity correction is also applied on median filtered 

images, followed by noise level subtraction for each individual slice and finally by aligning 

the peaks of the intensity histograms between all slices. Finally histogram equalization is 

applied to the 3D image-set to enhance the contrast between adipose and parenchymal 

tissue. An example of the effect of the correction process is shown for a single slice in Figure 

8-6. 

 

.  

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 8-6: An example of correcting intensity variations along an MR sagittal image of the 

breast. 
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9 Clinical Results 
 

 

 

 

 

 

This chapter presents the results of the concurrent MRI-DOT study. The purpose of 

this study was two-fold. The first goal was to examine the feasibility of DOT to image the 

breast. Since the accurate coregistration of images was implicit (see chapter 8) an exact 

validation of the spatial occurrence of lesions could be performed. The use of vascular 

contrast agents for both modalities guaranteed that a physiological validation could be 

performed as well. The second goal was to create a hybrid modality. The structural and 

physiological information from the MRI could be implemented in the DOT inversion 

problem to simplify it and increase its quantification accuracy. Therefore the simultaneous 

examination could provide supplementary information to the MRI readings for lesion 

characterization.  

 

This chapter is divided in four sections. Section 9.1 presents average optical 

properties of the intrinsic and ICG-enhanced breast and average hemoglobin concentration 

and saturation are obtained. These optical properties are plotted as a function of age and 

may serve as the baseline or typical sample of the normal breast. Section 9.2 shows 

coregistered DOT and MRI images of the same volume and demonstrates the feasibility of 
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DOT to image the ICG-enhanced breast. Images of intrinsic contrast are also shown. 

Section 9.3 demonstrates the results obtained by implementing the a-priori MR information 

in the DOT inversion problem to obtain optical properties of intrinsic and extrinsic contrast 

of specific lesions. Finally section 9.4 presents some specific cases of particular interest and 

gives an insight for the use of ICG for breast cancer detection.  

 
 
 

9.1 Spectroscopic measurements 

This section focuses on the average optical properties of the breast with and without 

indocyanine green enhancement. These measurements have been collected from patients 

and volunteers that participated in the clinical study. Most of the measurements have been 

performed at 780nm and 830nm wavelengths. A recent addition of a third wavelength in the 

summer of 1999 made some measurements in the 690nm possible as well. The average 

optical properties of intrinsic contrast in two or three wavelengths are converted to 

hemoglobin concentration and saturation values.  

 

 In general the average optical properties are an integral part of the tomographic 

approach. This issue was described in chapter 5. Additionally, the presentation of average 

optical properties and of hemoglobin volume and saturation aims in identifying the baseline 

or “typical” NIR properties of the breast for later comparison with diseased tissue. In 

general, average optical properties are minimally affected by the optical contrast of a 

localized tumor. This is because diffuse photons sample a large volume of healthy breast 

tissue; the localized tumor, if present, constitutes only a small fraction of this volume. Here, 

particular care was taken so that the measurements used for the calculation of average 

optical properties were not in the vicinity of diseased regions so that the influence of 

diseased tissue in the calculation of average optical properties was further reduced. Therefore 

these measurements describe the average properties of the healthy breast tissue 
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9.1.1 Intrinsic contrast 

 

The absorption and reduced scattering coefficient of intrinsic contrast are calculated 

by fitting the time-resolved curves to the time-domain solution of the diffusion equation for 

transmittance geometry. This methodology was analytically described in Chapter 4.  The time 

parameters K1 and K2 of the fit used in this data analysis were selected as shown in Figure 

9-1. The fitting process includes only the later parts of the time-resolved curves because this 

was found to reduce time uncertainty errors (see §4.4.5).  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 9-1: Fitting scheme selected for the spectroscopic analysis of the breast time-resolved 

measurements. Only the latter parts of the time-resolved curve were fitted because this 

offers higher quantification accuracy. 

 

In order to calculate the average optical properties of each breast scanned, 

measurements from different locations of the breast (different source-detector pairs) were fit 

independently. Then the optical properties found were averaged to yield a single absorption 
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10 to 15 different time-resolved curves per wavelength were fit for each breast. The 

absorption coefficients calculated from 21 patients and volunteers (for the 780nm and 830 

nm) are shown in Figure 9-2 and the reduced scattering coefficient from the same 

examinations in Figure 9-3. The 690nm wavelength was added and used only in the last four 

examinations. 

 

 

 

 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 9-2. Histogram of the absorption coefficients at 780nm and 830 nm obtained from 21 

patients and volunteers examined by the simultaneous MRI-DOT.  Measurements of the 

absorption coefficient at 690nm were obtained from four patients. 
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Figure 9-3: Histogram of the reduced scattering coefficients at 780nm and 830 nm obtained 

from 21 patients and volunteers examined by the simultaneous MRI-DOT.  Measurements 

of the reduced scattering coefficient at 690nm ware obtained from four patients. 
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coefficient around 10cm-1. This result offers a practical advantage. Since the optical 

properties of the healthy breast have similar values in 690nm, 780nm and 830nm, the signal 

attenuation is also similar in all wavelengths. Hence the dynamic range of the instrument is 

not compromised while sensitivity to deoxy-hemoglobin is enhanced due to the 690nm light.  
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Table 9-1: Mean and standard deviation of the breast absorption coefficient (21 
subjects). 

µa Mean (cm-1) Standard Deviation (cm-1) 

690 nm (only 4 patients) 0.041 0.005 

780 nm 0.041 0.012 

830 nm 0.043 0.014 

 

 

 

Table 9-2: Mean and standard deviation of the reduced-scattering coefficient (21 
subjects). 

µs’ Mean (cm-1) Standard Deviation (cm-1) 

690 nm (only 4 patients) 10.25 0.54 

780 nm 11.02 1.77 

830 nm 9.96 1.47 

 

 

 

9.1.2 Average Hemoglobin Concentration and Saturation 

In order to calculate the hemoglobin concentration and saturation from the 

absorption coefficient calculations that were presented in the previous sub-section, we use 

the relationship  

 
λλλλ µεεµ backaHBHBa HBOHB ,202 ][][ ++⋅= , ( 9-1) 

 



 

 176

where λµ a  is the absorption coefficient at wavelength λ, [HB] is the concentration of deoxy-

hemoglobin, [HBO2] the concentration of oxy-hemoglobin and λµ backa,  is the absorption 

coefficient of water and lipids at wavelength λ. Obviously, Eq.( 9-1) assumes that other 

chromophores besides the HBO2, HB and H2O have insignificant contributions to the 

overall absorption coefficient. The absorption coefficient of water and lipids can be generally 

obtained from the literature or measured experimentally on phantom measurements [77,121] 

and is used as a constant. For L number of wavelengths one can construct a system of L 

equations with two unknowns (the concentrations of oxy- and deoxy- hemoglobin) that can 

be inverted (for L=2) or fitted (for L>2). In principle, for L number of wavelengths one can 

solve for L unknown chromophore concentrations. For example for L=3 the water 

absorption coefficient could also be solved for. However, similarly to the results presented in 

§6.3 the utilization of three wavelengths to fit for two unknown chromophore 

concentrations reduces the influence of random noise in experimental uncertainties. This is 

the reason that Eq.( 9-1) was used as is, even when 3 wavelengths were available.  

 

Figure 9-4 depicts the hemoglobin concentration [H]=[HB]+[HBO2] and Figure 9-5 

the hemoglobin saturation Y=[HBO2]/[H] calculations for the patients and volunteers 

examined as a function of age. Both [H] and Y have a weak, inverse dependence on age 

shown with the straight line fitted through the measurements (linear regression). This is 

consistent with the fact that the aging breast substitutes glandular tissue with adipose tissue, 

thus reducing the vascularization and evidently also its oxygenation. Saturation and 

hemoglobin concentration may be affected by the patient placement on the experimental set-

up. Although care was taken to ensure minimal breast compression, (only to obtain fiber 

contact with the tissue), it is possible that patient placement against the bed could obstruct 

blood vessels and have an effect on hemoglobin concentration and saturation. This could 

explain that one of the measurements yielded a very low saturation value. This measurement 

was excluded from the regression and other aggregate calculations. Table 9-3 tabulates the 

mean and standard deviation of the hemoglobin concentration and hemoglobin saturation 

calculated from the cases examined.  
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Table 9-3: Mean and standard deviation of the Hemoglobin Saturation and 
concentration (21 patients). 

 Mean Standard deviation 

Saturation Y 0.69 0.06 

Hemoglobin Concentration 

(mM) 
0.017 0.053 

 

 

 

 

 

 

Figure 9-4: Breast hemoglobin concentration from 21 subjects as a function of age. 
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Figure 9-5: Breast hemoglobin saturation from 21 subjects as a function of age. 
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minute the absorption coefficient reaches a maximum. After this point the ICG 

concentration in the intravascular compartment is cleared exponentially via the hepatobiliary 

pathway [120].  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 9-6: Typical breast absorption increase as a function of time due to the administration 

of Indocyanine Green (ICG). 
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maximum average absorption increase for the cases studied. The average absorption increase 

obtained was 0.012 cm-1. The standard deviation of these measurements was 0.009cm-1.  

 

 

 

Figure 9-7: Histogram of the absorption coefficient increase due to ICG injection obtained 

from 16 patients. 
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not only on the absolute breast vascularization. Therefore the measurements in Figure 9-8 

are indicative of a combined effect of changes in breast vascularization and of the ratio of 

breast volume to total body blood. Figure 9-9 depicts the correlation of the hemoglobin 

concentration measurement with the ICG-induced absorption increase measurement. As 

expected no perfect correlation is observed. The correlation coefficient between the two 

measurements is a=0.73. Obviously this correlation coefficient value is also affected from 

hematocrit fluctuations and experimental noise. If we could determine some of the unknown 

parameters (total blood volume or hematocrit), the composite ICG - hemoglobin 

concentration measurement from the same breast can be used to determine an additional 

parameter of interest. 

 

 
 

Figure 9-8: Breast absorption increase due to ICG administration as a function of age. 

 

0

0.005

0.01

0.015

0.02

0.025

0.03

30 40 50 60 70 80
Age (yrs)

∆µa (cm-1)

Absorption increase due to 
ICG administration

0

0.005

0.01

0.015

0.02

0.025

0.03

30 40 50 60 70 80
Age (yrs)

∆µa (cm-1)

Absorption increase due to 
ICG administration



 

 182

 
 
 
 

Figure 9-9: Correlation between the ICG-induced absorption coefficient increase and the 

hemoglobin concentration of the same breast calculated for 16 patients (each point 

corresponds to one patient) 
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information of the suspicious lesions was available since the patients that participated in the 

study were scheduled for biopsy.  

 

Three cases are shown: a ductal carcinoma, a fibroadenoma and a control study with 

no suspicious enhancement. The aim was to validate the efficiency of DOT for imaging 

breast and breast cancer and to demonstrate features of contrast enhanced DOT. The ICG 

enhanced images reveal good congruence with the Gd-enhanced MR images. Contrast agent 

uptake exhibited differentiation between disease and other structures. In contrast to simple 

transillumination, it is shown that DOT provides for localization and quantification of 

exogenous tissue chromophore concentrations. Thus the capacity to use DOT with existing 

vascular contrast agents or engineered contrast agents that target cancer or probe specific 

functionality was demonstrated in-vivo. 

 

9.2.1 Reconstructions 

 

The tomographic approach used is based on the analysis of §5.4 where correction for 

the average absorption increase of the breast due to the ICG injection is performed. This 

method was shown in §6.1 and §6.2 to produce more accurate images of diffuse media. The 

reconstructions performed in this study use five frequencies (80, 160, 240, 320 and 400 

MHz) and the real part of the matrix of Eq.( 5-9). The real part is an amplitude measurement 

and is affected by laser amplitude variations. The imaginary part is a phase measurement and 

is affected by time uncertainty. In the system used, amplitude variations were significantly 

lower than time-uncertainties compared to the corresponding amplitude and phase contrast 

expected from breast structures. Therefore the real part had superior signal-to-noise ratio 

characteristics compared to the imaginary part and for that was selected alone for the 

reconstructions.  

Matrix inversion is based on the method of projections with relaxation parameter 

λ=0.1 and 500 iteration steps. In this case the number of iterations was chosen after 

calibrating the algorithm with phantom measurements and was kept constant for all cases. 

Since minimal change in the scattering properties of the breast is expected following ICG 
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injection, the diffusion coefficient differential perturbations were set to zero. Furthermore to 

facilitate quantitative comparisons between the DOT images obtained from different 

patients, similar volumes were reconstructed and the voxel size was kept constant, i.e. 0.3 × 

0.4 × 1 cm3. All reconstructions shown are done for a 1cm thick slice, perpendicular to the 

compression plates (coronal plane), passing through the suspicious lesion.  

 

9.2.2 NIR data pre-processing 

Data pre-processing consisted of three steps: 

 

1) During the first step standard median filtering was applied to all time resolved 

curves, followed by subtraction of the dark current and ambient light photon count 

(obtained prior to SET I).  

 

2) In the second step a correction was effectively applied to the total field ),,( ωφ ds rr rr′′  to 

account for the a0µ ′′  change as a function of time, due to the clearance of ICG from the 

plasma. This normalization is critical because different sources are “on” at different times, 

while ICG is clearing. Figure 9-10 shows the average change in a0µ ′′  from a 50-year-old 

patient after ICG administration. The measurement is obtained during SET III and SET V 

for a single source-detector pair. The a0µ ′′  change calculation is based on an algorithm [121] 

developed specifically to monitor absorption changes with an accuracy of 10-3 cm-1 (see §4.5). 

The area in gray indicates the time allocated to SET IV.  The correction normalizes all data 

acquired during SET IV to correspond to the absorption level of the first point of SET V. 

For this purpose the absorption coefficient )(a0 iµ ′′  (i =1..5) was calculated at each of the five 

time points during SET IV (i.e. the open circles in Figure 9-10) using linear interpolation 

between the last points of SET III and the first points of SET V. Each circle defines the 

temporal midpoint of the acquisition period allocated to a particular source. Although the 

ICG clearance from the plasma follows an exponential decay, linear interpolation suffices to 

predict the µa values for the small time interval of SET IV. The µa(i) at each of the points 

was used to derive a signal intensity Ti=Ti (t, )(a0 iµ ′′ , 0D ′′ , | sr
r - dr

r |)  using the time-domain 
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diffusion equation solution for slab geometry. Then letting T6 be the calculated intensity for 

the first point of SET V with absorption coefficient )6(a0µ ′′ , five correction factors ai were 

calculated; ai = max(T6 )/max(Ti). The ai were multiplied with the amplitude of the time-

resolved curves Ti acquired at each point i. The calculation was done for each patient 

separately by constructing a graph like the one of Figure 9-10. 

 

 

 

 

 

 

  
 
 
 
 
 
 
 
 
 
 

Figure 9-10: Absorption coefficient change in breast due to ICG administration and 

corresponding scans used for imaging and localized DOS purposes. 
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curves of SET IV respectively. The incident fields ),,(0 ωds rrU rr′′ , ),,(0 ωds rrU rr′  were 

theoretically obtained using the frequency-dependent solution of the diffusion equation (Eq.( 

3-36)) for an infinite slab using the post-ICG ( 0a0 , D ′′′′µ ) and pre-ICG ( 0a0 , D′′µ ) background 

optical properties. The values 0a0 , D ′′′′µ  and 0a0 , D′′µ  were calculated by averaging the optical 

properties obtained after fitting (see §9.1) the time-resolved curves acquired during SET IV 

and SET II respectively to the time-domain diffusion equation for an infinite slab. The 

measurements included in the fit were obtained from source-detector pairs that were away 

from the lateral breast boundaries to satisfy the assumption of an infinite slab.  

 

9.2.3 Results  

The three cases presented are a malignant tumor, a benign tumor and a control 

measurement from a patient with no disease. Average background optical properties and the 

average absorption increase three minutes after the administration of the contrast agent are 

tabulated in TABLE I for the three cases.   

 

 

Table 9-4: Average optical properties for three breast cases presented (830nm). 

  
µa (cm-1) pre-ICG 

 

 
∆µa (cm-1) due to ICG 

 
µs

’
 (cm-1) 

CASE I 0.031 ± 0.002 0.007 ± 0.001 11.1 ± 0.7 

CASE II 0.046 ± 0.003 0.004 ± 0.001 11.9 ± 0.7 

CASE III 0.052 ± 0.003 0.005 ± 0.001 9.3 ± 0.6 

 

 

Case I: Infiltrating ductal carcinoma 

Figure 9-11 depicts the results from a 70 years old patient with an infiltrating ductal 

carcinoma of ~1cm. Figure 3a depicts the pre-Gd sagittal MR slice passing through the 

carcinoma in grayscale and the relative signal increase due to Gd superimposed in color. The 
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color image is obtained by subtracting the corresponding pre-Gd from the post-Gd slice and 

thresholding the resulting image to 40% of the maximum. All the MR images were median-

filtered to reduce shot noise. The rectangle surrounding the carcinoma indicates the sagittal 

cut of the volume of interest (VOI) imaged under the NIR protocol examination following ICG 

administration (SET II and SET IV). Figure 9-11b shows the DOT image obtained from the 

VOI, along the coronal plane. Figure 9-11c depicts a pre-Gd GRE coronal slice (in 

grayscale) passing through the center of the VOI, superimposed with the distribution of Gd 

(in color) from the entire VOI projected on this coronal plane. The Gd distribution is 

calculated as ∑ ∈
−=

VOIi

pre
i

post
iVOI GdGdGd ][ , where post

iGd  is the ith post-Gd coronal slice that is 

included in the VOI and pre
iGd the corresponding pre-Gd slice. The final GdVOI image seen 

superimposed in color on Fig. 3c is thresholded to 40% of the maximum. All post-Gd 

images used are from the MR set obtained immediately after Gd-chelate injection. 

 

Figure 9-11b exhibits a marked absorption increase in the upper right of the image, 

congruent with the position that the carcinoma appears in Figure 9-11c. The local absorption 

coefficient increase of this lesion is ~0.05 cm-1 at 830nm, corresponding to an ICG 

concentration of ~0.1 mg/L. There is another lesion shown in the left part of the NIR 

image, congruent with enhancements seen on the MR images, albeit with a different size and 

shape than the MRI lesions. In its current implementation the low resolution of DOT is not 

sufficient to separately resolve such small lesions. Furthermore a characteristic feature of 

DOT is that there are no clear borders of the structures imaged. Therefore characterization 

of a lesion size depends on a selected threshold. The full width at half maximum of the 

DOT-resolved carcinoma is comparable with the carcinoma size seen on the MRI image. 

There is fair comparison between the full-width at half-maximum size of the secondary 

lesion on the DOT image and the corresponding enhancement distribution seen on the MR 

image. The cancerous lesion however shows marked enhancement relative to the secondary 

structure on the DOT image. One other small absorbing lesion appears on the border of the 

DOT image. This lesion could be due to a superficial blood vessel just in front of the 

corresponding source, but is most likely an artifact due to experimental noise since it does 

not appear on the Gd image.  
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Figure 9-11: Ductal carcinoma (case I). a) Functional sagittal MR image after Gd contrast 

enhancement passing through the center of the cancerous lesion. b) Coronal DOT image, 

perpendicular to the plane of the MRI image in (a), for the volume of interest (VOI) indicated 

on (a) with the interrupted line box. c) Functional MR coronal re-slicing of the VOI with the 

same dimensions as (b). 

 
 
Case II: Fibroadenoma 

Figure 9-12 depicts results from a patient diagnosed with a fibroadenoma. The 

fibroadenoma was 1.5 cm in diameter and was close to one of the two compression plates. 

The lesion is clearly shown enhanced on the functional MR images of Figure 9-12a and 

Figure 9-12c (produced like Figure 9-11a and Figure 9-11c respectively). Figure 9-12b 

depicts the result obtained with DOT for the VOI. There is a lesion that appears mildly 

enhanced after ICG injection congruent with the appearance of the fibroadenoma on Figure 

9-12c. The ∆µa value reconstructed for the fibroadenoma is ~0.03 cm-1 at 830nm, 

corresponding to an ICG concentration of ~0.06 mg/L. The full-width at half-maximum 

size of the lesion appears underestimated. Such differences may be partly attributed to the 

different distribution mechanisms of ICG and Gd-DTPA, as explained in the discussion 
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section, and partly to the low DOT resolution. No other structure significantly enhances in 

this image. The DOT image is printed in scale with Figure 9-11b for direct comparison 

between the DOT images.   

 

 

Figure 9-12: Fibroadenoma. (case II) a) Functional sagittal MR image after Gd contrast 

enhancement passing through the fibroadenoma. b) Coronal DOT image, perpendicular to 

the plane of the MRI image in (a), for the volume of interest (VOI) indicated on (a) with the 

interrupted line box. c) Functional MR coronal re-slicing of the VOI with the same 

dimensions as (b). 

 
 

Case III: Control case 

Figure 9-13 depicts the results from the control case, namely a patient that 

demonstrated no suspicious enhancement in the post-Gd images. Figure 9-13a shows an 

arbitrarily selected sagittal functional image passing from the middle of the breast. Minor 

signal enhancement due to Gd appears (in color) scattered in a random manner throughout 

the breast (color superposition is also thresholded to 40% of the maximum). Figure 9-13b 

shows the result of DOT for the selected volume of interest, in scale with the results of 

Figure 9-11b and between the DOT images. Figure 9-13 depicts the functional coronal MR 
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image produced similarly to Figure 9-11c. The optical image shows moderate enhancements 

(~0.025 cm-1) in the left and right sides of the image, which coincide with increased number 

of enhanced structures seen on the MR coronal slice.  

 

 

Figure 9-13: No disease. (case III) a) Functional sagittal MR image after Gd contrast 

enhancement passing through the middle plane of the breast. b) Coronal DOT image, 

perpendicular to the plane of the MRI image in (a), for the volume of interest (VOI) indicated 

on (a) with the interrupted line box. c) Functional MR coronal re-slicing of the VOI with the 

same dimensions as (b). 

 

9.2.4 Discussion  

In this section we have investigated the fidelity of DOT for imaging the in-vivo 

distribution of ICG in human breast by comparing it with MRI. The Gd-enhanced MR 

images provide insight on the functional characteristics of lesions and supported by the 

histopathological findings serve as our “Gold Standard”.  
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In the case of the carcinoma (case I) the optical method resolves two lesions that are 

congruent with the two primary areas that enhance after Gd administration. The accuracy of 

this localization is within the resolution limits allowed by the reconstruction mesh (±4mm). 

A good correlation is also seen between the contrast of the imaged lesions: the enhancement 

intensity of the carcinoma relatively to the secondary lesion is approximately 2:1 for the two 

modalities. This contrast consistency can be attributed to the fact that both ICG and Gd are 

expected to be probes of hypervascularization in this study, even though they have different 

distribution patterns. Gd are known as extracellular agents that quickly distribute in the 

intravascular space and the whole body interstitial space (except in the central nervous 

system [122]). Hence cancer differentiation due to Gd is mainly attributed to the 

hypervascularity of cancers [123]. On the other hand, when ICG is injected in the blood 

stream, it binds immediately and totally to blood proteins, primarily albumin by 95%, but 

also alpha-1-lipoproteins and beta-1-lipoproteins [124]. Therefore it is likely that ICG does 

not significantly extravasate except for incidences of abnormal blood capillaries with high 

permeability as in the case of tumor hypervascularity [125]. This extravasation would be a 

slow process as has been suggested by studies of similar macromolecular contrast agents such as 

the albumin-bound-Gd molecule [126]. Under this premise only minimum ICG 

extravasation should occur three minutes after injection (when the optical images were 

acquired). The coronal slices of Figure 9-11b and Figure 9-11c could then be seen 

approximately as vascularization maps with the carcinoma in this case being two times more 

vascular compared to the secondary benign lesion. 

 

In the case of the fibroadenoma (Case II) the moderate ICG enhancement similarly 

indicates lower vascularization. The MR diagnosis in this protocol does not use quantified 

information; the characterization of the lesion is based on morphological features, such as 

lobulated borders and internal septations. Therefore MRI enhancements seen in different 

patients are not compared to each other on an intensity basis. The use of quantified 

information however seems to be an important feature for DOT diagnosis, which by 

construction produces quantitative images of the absorption coefficient in this study.  
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Finally in the normal case, the several minor enhancements shown on the MR 

coronal slice (Figure 9-13c) are due to distributed small vascular structures. Healthy breast 

demonstrates a heterogeneous ICG distribution probably similar to the Gd enhancement 

pattern seen in this measurement. Hence the reconstruction of the large absorbing lesions at 

the sides of Figure 9-13b reflects an average absorption increase due to many small-localized 

centers that cannot be adequately resolved independently, as was also observed in the 

reconstruction of the secondary benign lesion in Figure 9-11b.  

 

Although it is not feasible in this study to validate the accuracy of the reconstructed 

µa, by keeping the reconstruction parameters similar in the three cases examined, it is shown 

that quantification could be used diagnostically or as a probe of functionality. This is a 

significant advantage over transillumination. The evaluation of ICG as a contrast agent of 

high diagnostic potential requires a larger patient study. Our findings suggest that ICG, 

although not developed as a cancer targeting dye, could find applications in DOT 

mammography. Additionally it should be pointed out that the study of macromolecular 

contrast agent kinetics enables the independent estimation of vascularization and 

permeability [127,128,129]. Such differentiation has been demonstrated by MRI using 

albumin-bound-Gd and is examined by the MR community as a surrogate to increasing 

specificity [127,130,131]. In this study the time-limitations of our protocol did not allow 

imaging at longer times after ICG injection. However images taken at later times could study 

localized ICG kinetics, and thus quantify permeability as well, offering an additional feature 

for cancer differentiation.  

 

 Independent of the ICG performance in breast cancer detection however, DOT has 

been shown to be capable of localizing and quantifying enhancing lesions in-vivo. Hence it 

could be used to investigate the clinical utility of different contrast agents and use the best of 

them for optical mammography. In support of this view is the fact that the diagnostic 

mechanisms of DOT do not focus on high-resolution structural details but rather on local 

functional characteristics. Furthermore the resolution and sensitivity of DOT is expected to 

increase by increasing the source-detector pairs employed and the signal to noise ratio. 
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Finally the use of appropriate NIR markers developed to target specific biological or 

molecular properties of tissue may expand the potential applications of DOT in probing 

functionality. 

 

9.3 Imaging of intrinsic contrast 

  As can be seen in §8.1, the DOT clinical protocol aims at imaging both the intrinsic 

and extrinsic breast optical contrast. Tomography of intrinsic contrast imposes experimental 

difficulties associated with obtaining the baseline measurement as described in §7.5. This 

baseline measurement is not specific to the perturbation method that has been followed here 

but is necessary for the reconstructions because it is equivalent to an instrument calibration 

measurement (determination of source-detector gain and coupling). In the Rytov regime this 

calibration is transparent since it is cancelled out by taking the ratio of the total to the 

incident field. In other reconstruction approaches, the instrument calibration has to occur at 

an earlier stage. The fact remains that in imaging the intrinsic contrast one has to devise a 

convenient calibration measurement. In our case the simultaneous examination required the 

patient to leave the experimental set-up so that a resin model of similar optical properties 

and geometry substituted the breast. However this substitution changed the experimental 

set-up and required corrections for the change in optical properties and in geometry between 

the breast and the model (see §6.1). Stand-alone instruments may use a bath of intralipid 

where the breast is immersed in, so that the geometry does not change during the calibration 

measurement [132]. Additionally, self-calibrated reconstruction schemes may be devised 

when large data-sets are available, by employing a data-set subset to divide out gain factors 

and other unknown parameters. Nevertheless, the calibration measurements induce 

additional experimental errors compared to the differential measurements of the contrast 

agent distribution and the self-calibrated methods are usually more sensitive to random 

noise.  
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Figure 9-14: Imaging of intrinsic contrast. (case I) a) Functional Gd-enhanced sagittal MR 

image passing through the center of the cancerous lesion. b) Coronal DOT image, 

perpendicular to the plane of the MRI image in (a), for the volume of interest (VOI) indicated 

on (a) with the interrupted line box. c), d) absorption coefficient images at 780nm and 830 

nm respectively. e) Hemoglobin concentration image, f) hemoglobin saturation image. 
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Figure 9-14 depicts the reconstruction of intrinsic contrast for the ductal carcinoma 

seen in Figure 9-11. Figure 9-14c shows the reconstructed image at 780nm and Figure 9-14d 

the reconstructed image at 830 nm. Six sources, four detectors and five frequencies (80Mhz 

– 400MHz in steps of 80MHz) were employed for the reconstruction of these images. The 

measured data were pre-processed by correcting the scattered field for the change in optical 

properties between the resin model and the breast and for the changes in source-detector 

separation using the methodology described in §5.4 and §6.1 (see Eq.( 6-2) - the correction 

for source-detector distance changes between the breast and baseline measurements can be 

easily added). In this case 0φ ′′  was calculated for the optical properties and geometry of the 

breast and 0φ ′  was calculated for the optical properties and geometry of the resin block.  

 

Both absorption coefficient images (Figure 9-14c and Figure 9-14d) demonstrate an 

absorption increase congruent with the appearance of the DCIS on the MR coronal image in 

Figure 9-14 Combining the image in Figure 9-14c with the image in Figure 9-14d using Eq.( 

9-1) on a pixel to pixel basis we can obtain an image of the hemoglobin concentration 

(Figure 9-14e). The image depicts several other objects that do not appear on the extrinsic 

contrast image of the same volume shown in Figure 9-11b. It is possible that for the reasons 

explained in the previous paragraphs and according to the results of section §6.1, these 

additional structures represent artifacts due to experimental noise. The saturation image is 

depicted in Figure 9-14f. This image is governed by artifacts. The explanation for that was 

given is §6.3. Saturation images are generally more sensitive to random noise than 

hemoglobin concentration images. An increased data set with more source-detector pairs 

and wavelengths has been shown to better the saturation images (§6.3).  

 

9.4 MR-guided Localized diffuse optical spectroscopy 

 

In this section the MRI anatomical and primarily functional information is 

implemented in the DOT inversion problem according to the methodology described in 

§5.6, §6.4, and §8.2. When the method is applied to measurements at multiple wavelengths, it 
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can be thought as an image guided localized spectroscopy technique, similarly to the 

notation used within the MR community (see [133] and references therein). As was described 

in §5.6 this technique significantly simplifies the inversion problem and consequently offers 

superior accuracy by converting the underdetermined tomographic problem to highly over-

determined. Inversion of the overdetermined system can better the robustness of the 

technique to experimental and biological random noise (see §6.4). 

 

 Here we have used the two-parameter model, developed and examined in §6.4, to 

extract the absorption coefficient at two or three wavelengths of diseased and healthy lesions 

with and without ICG administration. The first part of this section presents the method for 

lesion selection, which is based on the functional MR information. The second part 

demonstrates the experimental findings of the MR-DOT study. 

 

9.4.1 Lesion extraction. 

 

 NIR absorption contrast in the breast is primarily due to the distribution of oxy- and 

deoxy-hemoglobin. Therefore similarly to the argumentation used in §6.1.1 the T1 or T2 

weighted MR images may not offer sufficient information that is directly related to NIR 

contrast. The Gd enhancement of the MR images was used to guide the selection of 

suspicious lesions for the DOT problem since Gd is an extravascular contrast agent, which 

concentrates more at areas with high vascularization and available extracellular space. Let us 

examine two examples, one of a cancer and one of a fibroadenoma that will illustrate some 

of the issues pertaining to lesion extraction. Figure 9-15 shows the Gd enhancement pattern 

of a cancer that is seen approximately in the center of an MR sagittal image seen in Figure 

9-15a. The image in Figure 9-15b is the magnification of the lesion outlined with a solid line 

on Figure 9-15a. An assumed DOT voxel segmentation is superimposed on the magnified 

MR image of the cancer. The grayscale image depicts the Gd-enhanced contrast (structural 

information) while the color segments indicate the regions that where enhanced after the Gd 

administration. Figure 9-16 shows a fibroadenoma and its Gd-enhancement taken from the 

MR sagittal slice seen in Figure 9-12. Figure 9-16 b is the magnification of the region 
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outlined in Figure 9-16a with a solid line. An indicative voxelization pattern is superimposed 

on the magnified lesion.  

 

 

Figure 9-15: Carcinoma enhancement pattern 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 9-16: Fibroadenoma enhancement pattern 
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The enhancement patterns in these two cases are markedly different; while Gd-

enhancement appears almost homogeneous in the fibroadenoma, the cancer exhibits a 

characteristic rim enhancement shown in color. We should note that the Gd enhancement is 

not printed in scale.  

It is expected that NIR contrast will more closely resemble the Gd-enhancement 

pattern since areas that do not demonstrate significant Gd contrast should be of low 

vascularization assuming flow is not obstructed. When the Gd enhancement is used, the 

selection of “a suspicious lesion” and subsequently of the volume that this suspicious lesion 

occupies will be very different between the cancer and the fibroadenoma. Specifically the 

cancer lesion based on the functional Gd information will occupy a much smaller volume 

than the fibroadenoma. Therefore the results obtained when using the a-priori information, 

especially the quantification, are expected to be markedly different compared to when 

performing DOT as stand-alone, since different partial volumes are implicated. 

 

 

9.4.2 Results and discussion  

 Figure 9-17 plots the hemoglobin saturation of selected lesions as a function of their 

hemoglobin concentration. The filled circles correspond to the five cancerous lesions 

encountered. The clear circles indicate benign tumors. The triangles are arbitrary lesions 

selected within normal tissue to serve as controls and the diamonds are some of the baseline 

(average) measurements presented in §9.1.2. The exact pathologies of malignant and benign 

tumors are given in Table 9-5.  In general the cancerous lesions appear more hypoxic and 

higher in hemoglobin concentration. Higher hemoglobin concentration is characteristic of 

angiogenesis. Lower hemoglobin saturation asserts higher metabolic activity and insufficient 

and irregular blood supply to the different lesions within the malignant mass. However it 

would need a much higher statistical sample in order to extract the sensitivity/specificity of 

the NIR results and of the combination of the NIR results with the MRI features.  
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Table 9-5:  MRI and histpathological diagnosis of the cases studied with localized 
Diffuse Optical Spectroscopy. 

Case 
# 

MRI diagnosis Histopathological Diagnosis 

1 Carcinoma In-situ and infiltrating ductal carcinoma  

2 Diffuse carcinoma Invasive carcinoma 

3 Diffuse carcinoma Invasive lobular carcinoma 

4 Invasive carcinoma Invasive and situ ductal carcinoma 

5 Carcinoma In-situ and infiltrating ductal carcinoma 

6 Fibroadenoma Fibroadenoma and benign breast tissue with 

fibrosis and focal duct hyperplasia without atypia 

7 Fibroadenoma Benign breast tissue with fibrocystic change and 

ductal hyperplasia 

8 Multiple cysts - 

9 No suspicious enhancement Fibrocystic changes with extensive stromal fibrosis 

10 Ductal hyperplasia Focal ductal hyperplasia without atypia 

 

 

 

Another issue to be considered here is the experimental error of the calculated 

results. As was discussed in §6.4 the sensitivity to random uncertainties and noise is 

significantly lower in localized DOS than in stand-alone DOT, since the problem inverted is 

highly over-determined. The merit function constructed and used here (Eq.( 6-6) ) does not 

account for geometrical irregularities (tilted compression plate, non-parallel compression etc) 

but experimental parameters like the exact geometry were implemented in the construction 

of the weight matrix. Additionally measurements that were close to boundaries were not 

included in the calculation to avoid systematic errors. It is difficult however to fully 

determine the presence of systematic errors and therefore their propagation in the results 

may not be completely overruled. Simulations have determined that the error bars in the 
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results shown in Figure 9-17, due to expected systematic errors would be ±5% for the 

saturation calculation and ±15% for the hemoglobin concentration calculation. Systematic 

errors affect more the hemoglobin concentration calculation as was described in §4.1.4. The 

influence of random noise should not affect the results significantly as indicated in §6.4. The 

use of increased data sets can better the performance of the fit. Also alternative fitting 

methods have been suggested recently [134], that account for the tissue-fiber coupling 

irregularities. Such approaches may cope better with instrument-induced systematic errors 

and should be investigated in the future. 

 

 

 

Figure 9-17: Intrinsic contrast (Hemoglobin Saturation vs. Hemoglobin concentration) of 

selected lesions using MR-guided localized Diffuse Optical Spectroscopy. 

 

Figure 9-18 demonstrates the absorption increase of the same lesions due to ICG 
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contrast case was used. The results indicate that the cancers had higher ICG uptake except 

one that demonstrated zero contrast. This case has special interest and is described in detail 

in the following subsection. The benign diseases showed markedly smaller contrast agent 

uptake with the fibroadenomas exhibiting the highest and the cysts demonstrate practically 

zero ICG uptake. Normal lesions can also demonstrate significant absorption change after 

the ICG administration depending on how vascular they are.  

 

The experimental errors introduced in the calculation of extrinsic contrast are 

significantly lower than the ones in the calculation of intrinsic contrast because of the 

accurate calibration as explained in §5.4.  

 

 

Figure 9-18. Absorption increase due to ICG uptake of selected lesions using MR-guided 

localized Diffuse Optical Spectroscopy 
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9.4.3 The Hybrid modality 

The concurrent MR-DOT examination is in practice a hybrid modality in which both 

the high resolution and Gd-enhancement pattern can be studied with MRI but also 

quantified information on hemoglobin concentration, saturation and contrast agent uptake is 

obtained. 

  

DOT is a complementary technique to MRI. MRI targets primarily structure whilst 

DOT targets function. MRI can also target deoxy- hemoglobin, but only indirectly via the 

BOLD effect, and vascularization and tissue function via the study of contrast agent kinetics. 

But the addition of DOT, which resolves oxy- and deoxy-hemoglobin with high sensitivity, 

can significantly augment or validate measurements of functional activation or 

hemodynamics, without compromising the resolution. Similarly, the resolution of DOT as a 

stand-alone modality is limited to the millimeter range (currently ~5 mm) in large organs due 

to the nature of photon diffusion. Hence the use of MRI can aid the optical study in 

providing geometrical certainty that cannot be achieved with DOT alone. The 

implementation of multiple wavelengths and of higher DOT data set may be potentially used 

to study additional tissue absorbers of functional, pathological or biochemical importance 

and tissue scattering. 

 

The interplay between MRI and contrast-enhanced DOT, combined in a hybrid 

modality, is a more complicated approach, since the tissue property that is examined 

depends on the contrast agent used. In this study, both the MR contrast agent Gd and the 

DOT contrast agent ICG probe mainly vascularization. When both techniques use these 

vascular contrast agents they yield significantly correlated information that was used here to 

validate the DOT performance. Nevertheless, there are differences in the distribution of the 

two contrast agents as was described in section §9.2.4. These differences may be used to 

extract different tissue functional properties, for example extracellular and intracellular 

volume and tissue permeability when kinetics are included in the calculation. For the study 

of such parameters however it would probably be more efficient to use the same modality 
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with different contrast agents, for example MRI with Gd and albumin-bound Gd so a high-

resolution study could be obtained.   

 

There are however advantages in using contrast enhancement with both modalities. 

First, the combined MR-DOT modality allows the study of ICG uptake in tumors with high 

certainty. Therefore the concentrations of various contrast agents can be studied. This is 

very important to evaluate existing and emerging contrast agents [ 44, 135 ] in-vivo. Thus the 

hybrid MRI-DOT modality is rendered as an invaluable tool in studying fundamental 

properties very useful to the development of contrast-enhanced stand-alone DOT as a 

clinical modality. Second and most importantly the use of specific sets of molecular contrast 

agents [44] can yield a hybrid modality where high-resolution structural and functional 

information can be extracted with MRI and biochemical and molecular signatures can be 

studied with DOT. 

 

 

9.5 Special cases 

 

Measurements from each patient represented a challenging DOT problem. The 

interaction of theory, experiment and disease presented a delicate balance between the actual 

performance of the tool and the true contribution of disease that had to be understood in 

these first clinical steps. There are two cases that have special interest as they allow an insight 

on more complicated issues in ICG contrast enhancement and I will present them here in 

more detail. Those two cases should be considered as anecdotal studies and not used 

necessarily to outline general results. However they could be used for cross-reference with 

other studies and help in understanding better the complexity of the problem studied. 

 

9.5.1 Ductal carcinoma. 

This case is the carcinoma that demonstrated zero absorption increase after ICG 

administration (see Figure 9-18). This was the largest carcinoma encountered in the study 
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measuring 1.5cm in diameter and was diagnosed by histopathology as an “invasive and in-

situ ductal carcinoma with associated microcalcifications”. Figure 9-19a depicts a sagittal MR 

image passing through the carcinoma, which is clearly seen after Gd enhancement in the 

middle of the breast.  

 

Figure 9-19: Gd and ICG enhancement of special case 1: an in-situ and invasive ductal 

carcinoma 

 

The position of the optical sources and detectors is also marked on the figure with 
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was stable as was verified by the reference channel measurements. Figure 9-19c depicts the 

average absorption kinetics through the breast after ICG injection. Figure 9-19d depicts the 

)(ln 0φφreal measurement for source #5 and six of the detectors at four different times. An 

increase of the quantity )(ln 0φφreal indicates a decrease in signal intensity compared to 

baseline. Immediately after the ICG injection a high intensity decrease is observed for 

detector 4 relative to the other detectors. This change is very likely to be due to a higher ICG 

uptake by the carcinoma. At later times however this contrast disappears. It is as the 

surrounding tissue “catches up” in absorption. Therefore 3 minutes after the ICG injection 

where imaging or localized spectroscopy is performed there is no contrast from virtually 

anywhere in the breast and both imaging and localized spectroscopy completely “miss” the 

cancer.  

 

 The reason for this result is not apparent. Although necrotic tissue could be 

assumed, the tumor depicts a marked Gd uptake and does demonstrate an initial ICG uptake 

as well. This behavior could also be attributed to differences in blood flow and higher ICG 

uptake at earlier times, or high permeability differences between malignant and surrounding 

tissue. However before a complete discussion is given on this result let us also consider the 

next case of a multifocal carcinoma.  

 

9.5.2 Multifocal carcinoma. 

Figure 9-20a depicts the sagittal MR slice of a patient with an invasive lobular 

carcinoma. The disease was spread throughout the breast and occupied a significant part of 

its volume. This patient had on a different day a PET scan (Positron Emission 

Tomography), where the 19FDG uptake (and thus the metabolic activity) was imaged. Figure 

9-20b depicts a sagittal PET slice of the same breast where it is shown that the whole 

volume “lights up”, indicative of a distributed disease. Since DOT and PET resolution are of 

the same order, the NIR photons are also “seeing” a large cancerous volume. Therefore 

spectroscopic measurements of this breast would reflect measurements on a “diluted” 

cancer.  The average absorption coefficient kinetics due to ICG injection of this breast is 
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plotted in Figure 9-20c, simultaneously with four other cases taken from normal breasts. The 

line with squares is the measurement from the breast with the multifocal carcinoma. The 

four other lines with circles include the lower and highest absorption case seen amongst all 

breasts studied and are characteristic of the variation in absorption kinetics of the normal 

breast (see §9.1.3).  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 9-20: Gd and ICG enhancement and 19FDG uptake of a multi-focal carcinoma. 
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There is a characteristic initial high absorption that is not seen in the “typical 

sample”, namely the kinetics obtained from healthy breasts. Laser operation was stable 

during the measurement as verified by the reference channel measurement and minimum 

breast compression was applied, so it is unlikely that this pattern is an experimental artifact. 

This response is similar to the pattern seen in the previous case of the 1.5 cm carcinoma, 

where an apparent initial ICG uptake was also seen. It is possible that high vascularization 

due to angiogenesis, combined with the unregulated blood flow of cancerous vessels (due to 

the absence of smooth muscle) could be a reason for this result. Figure 9-20c conveys 

another interesting issue. Approximately 0.5 min after the initial absorption increase, the 

average absorption increase of the cancer falls at absorption levels that are comparable with 

the ones encountered in the highly vascular normal breast shown in the kinetic of the first 

line with circles. However at later times (>2 min) the absorption increase of the mulifocal 

carcinoma breast depict significant contrast again compared with the typical sample. 

Although this phenomenon was not seen in the previous case of Figure 9-19, it could be 

characteristic of cancer with high permeable vessels. The circulating ICG would extravasate 

in the intravascular space and its kinetics may differ compared to normal vascular structures 

where extravasation is not significant for macromolecular contrast agents.  

 

The cases presented could lead to some insight regarding the behavior of ICG in 

various cancers. Although the primary contrast is vascularization as seen in §9.2.3 and 

discussed in §9.2.4, additional mechanisms seen in dynamic studies seem to exist that may be 

used to characterize tissue. For the two cases presented in this section, ICG demonstrated an 

initial high uptake in the cancerous structures, probably due to the higher angiogenesis and 

unregulated blood flow. Permeability differences could also be a reason for this initial high 

ICG uptake. The clearance differences observed at later times could also be indicative of 

differences in the permeability of the blood vessels. It was argued in §9.2.4 that similarly to 

MRI studies with macromolecular contrast agents, ICG is not expected to significantly 

extravasate in the first minutes after injection (assuming similar dissociation behavior). 

However this may be not true for tumors with very permeable vessels. Therefore it could be 

hypothesized that the multifocal carcinoma exhibited abnormally high permeability 
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compared to the 1.5 cm carcinoma and healthy structures. In general, it is possible that 

different cancers (in terms of type, size, growth rate etc) will demonstrate different 

vascularization/permeability patterns, and dynamic phenomena could therefore use to 

characterize them.  

 

It would be advantageous to allow longer examination times so that images are 

obtained as a function of time. This could study the ICG kinetics and resolve vessel 

permeability. Permeability could be an important feature for cancer detection. The 

examination protocol applied for the present study performed imaging at 3 minutes after 

ICG injection. This selection was directed by practical issues. Since administration of ICG 

was performed at the end of a 20 minute stay in the magnet, patient convenience directed a 

maximum of an additional 5 minutes for the optical protocol. It should be noted however 

that this may not be an optimal scan time. The measurement of ICG kinetics could be used 

to optimize the time that imaging should be performed relative to the time ICG was injected. 

For example it may be that contrast between malignant and benign or healthy lesions is 

much higher at later times. Additionally, imaging at times shortly after ICG injection was 

avoided. This was because the transient phenomena that occur at early times can complicate 

the reconstructions, which require a constant background absorption level (see §9.2.2 ). 

However the results presented indicate that there may be significant diagnostic information 

in the early kinetics as well. If ICG is to be used for cancer detection it would be beneficial 

to design fast scanners that with the aid of correction methods such as the one described in 

§9.2.2 can obtain images at earlier times. 

 

9.5.3 Optimal feature selection 

 

The results presented demonstrated that if a single feature is to be selected for breast 

cancer detection with stand-alone DOT that would be the use of contrast agents. Even if 

one of the cancers was missed it is evident that the optimization of imaging at appropriate 

times and even more the use of appropriately engineered contrast agents can yield significant 

and accurate diagnostic information. Nevertheless the importance of intrinsic contrast is 
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fundamental and can be used to characterize lesions. For example the blood saturation level 

of malignant lesion may be a correlate of the metastatic potential since lower saturation 

levels may indicate metabolically active tumors. Most importantly it was demonstrated in this 

chapter that the optical method, either in the form of stand-alone Diffuse Optical 

Tomography or as image-guided localized Diffuse Optical Spectroscopy can be used 

clinically. These results and the overall assessment of the technique are summarized in the 

next chapter. 
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10 Conclusion and future outlook 
 

 

 
 

  

 

In the present work diffuse photons were employed either in the form of Diffuse 

Optical Tomography or in the form of MR-guided localized Diffuse Optical Spectroscopy to 

probe breast cancer. Both intrinsic contrast and ICG uptake were studied. 

 

Diffuse Optical Tomography resolved ICG-enhanced lesions that showed 

congruence with Gd-enhanced lesions seen on the MR images. The comparison was 

performed on the basis that both ICG and Gd are vascular contrast agents, and although 

they have somewhat different distribution, they in essence probe angiogenesis. Thus the 

capacity for the clinical use of DOT was demonstrated. Images of intrinsic contrast, 

especially those of hemoglobin concentration also demonstrated congruence with the Gd-

enhanced images, however they appeared to be noisier than the extrinsic contrast NIR 

images. DOT performance depends on the information content and the signal-to-noise ratio 

of the measurements. In this implementation a small number of sources and detectors were 

employed. However the use of a larger number of sources, detectors, wavelengths and 
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projections can improve the reconstruction performance as it effectively improves the 

information content and signal-to-noise ratio. The study of data-set information content can 

play a vital role in DOT optimization and the design of second-generation DOT systems. 

We have recently looked into analytical ways to connect the DOT resolution and image 

fidelity with the data-set employed [136, 137] by performing singular value analysis of the 

forward problem or looking into the degree of correlation between adjacent measurements. 

The data set optimization, and technological advances in parallel detection (low noise CCD 

cameras, high channel capacity frequency and time-resolved systems) as well as more stable 

sources can increase the detection capacity and DOT performance. The topic may receive 

further attention especially pertaining to image fidelity, i.e. what is the certainty that the 

image reconstructed does not contain artifacts but accurately reflect tissue function. In this 

work we took a first step to study this issue. We have demonstrated that highly 

heterogeneous media such as tissue yield image artifacts if proper care is not taken. We also 

presented methodologies to minimize the reconstruction artifacts. This leads now to asking 

more specific questions, such as what is the DOT fidelity in reconstructing the background 

heterogeneity as well and what is the capacity to construct determined and over-determined 

systems and the benefit in using grids with varying discretization step. 

 

The use of a-priori information in the inverse DOT problem relaxes the high 

inversion requirements of the stand-alone problem. However the same questions and 

optimization can be applied here. Nevertheless this venue offers truly exciting opportunities. 

The use of the anatomical and functional information can yield highly accurate merit 

functions and therefore improve the quantification of optical properties. We have calculated 

the intrinsic contrast and the absorption increase due to ICG enhancement in selected breast 

lesions. Breast cancers generally demonstrated higher vascularization and ICG uptake and 

lower oxygen saturation than normal lesions and benign diseases. This information can be 

combined with the MR features to enhance the specificity or to predict metastatic potential.  

 

Besides the use of DOT as a research or “add-on” tool, the present work allowed an 

insight on the potential to use DOT or localized DOS to detect breast cancer. The problem 
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is two-dimensional. The first issue is whether the features probed by DOT can yield 

appropriate specificity to use DOT diagnostically. The second issue is if there exists adequate 

contrast that can be detected with realistically feasible technology. Early detection of small 

primary tumors remains the basis for improved survival rates and early detection of breast 

cancers still represents a diagnostic challenge.  It may be that even if angiogenesis and 

hypoxia prove to be highly specific of breast cancers, they will require a well-formed 

malignancy (larger than a few millimeters) to yield adequate contrast. The smaller cancer 

detected in this study was 8mm. No smaller cancer was available in the clinical examinations 

performed to investigate the clinical detection limits.  

 

Similarly to other clinical imaging modalities, contrast agents will play an important 

role for breast cancer detection with DOT. Vascular contrast agents may yield significant 

differentiation characteristics, especially if the acquisition protocol and the distribution 

mechanisms of the contrast agent are optimized as discussed in Chapter 9. It can be argued 

that since vascular contrast agents can be imaged with high-resolution MRI as well, it is futile 

to pursue their imaging with DOT. There are many advantages however in the optical 

method to make it attractive for clinical applications. Besides being economical and portable, 

photon technology can detect vascular optical contrast agents with high sensitivity. Most 

importantly however, there are many biologic processes that cannot be easily or directly 

monitored by existing imaging techniques, because key molecules in these processes are not 

distinguishable from each other with the existing technologies. New classes of contrast 

agents, may be used to target highly specific cancer signatures at the molecular level. The 

high sensitivity of the optical method can then allow the detection and localization of disease 

before anatomic changes become apparent. Advancement in optical imaging and contrast 

agent developments is mutually beneficial. Furthermore, the combination of absorbing or 

fluorescent probes with appropriate imaging systems and techniques may create a powerful 

modality for the detection of early cancers and push the detection limits of the current state 

of the art. 
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