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Diffuse Optical Imaging and PET Imaging 
Soren D. Konecky and Arjun G. Yodh 

10.1 Introduction 

In the preceding two chapters, diffuse optical imaging (DOI) was combined with 
magnetic resonance imaging (MRI) and X-ray imaging. The primary goal of that 
work was to combine higher-resolution imaging modalities with low-resolution dif­
fuse optical imaging in order to use structural information from the former to 
improve upon the functional potential of DOI. In particular, the structural details 
acquired using MRI and X-ray imaging were used as a priori information to aid the 
optical reconstructions. The goal of the research described in this chapter is differ· 
ent. We will coregister DOI of human breast with positron emission tomography 
(PET). PET is a clinically useful imaging modality that employs the uptake of 
radiopharmaceuticals to measure physiological processes. In PET, the increased 
metabolic rate of most tumors compared to normal tissue provides a basis fortheir 
detectability via the radiopharmaceutical 18F-fluorodeoxyglucose (18F-FDG). Like 
PET, DOI also primarily measures the physiological characteristics of tissue. DOI is 
sensitive to changes in the absorption of near-infrared light due to variation of the 
concentrations of endogenous chromophores such as oxy- and deoxyhemoglobin, 
water, and lipid. Using exogenous fluorescence probes, DOI also has the potential 
to measure other physiological characteristics of tissue such as pH, intracellular cal­
cium concentration, and tumor specific receptors. Thus, the combined use of DOI, 
fluorescence DOI (FDOI}, and PET holds potential to expand the toolbox for 
researchers who study cancer in vivo. The goal of this chapter is to compare PET 
and DOI for breast tumor imaging, to demonstrate how these comparisons can be 
accomplished, and to suggest ways that the coregistration of these functional 
imaging techniques may be beneficial. 

We begin by reviewing some research in both the PET and DOI literature. 
Clearly, the ability to detect physiological change is important for measuring and 
predicting tumor responses to cancer treatment. To date, clinicians primarily use 
tumor size to evaluate the response of tumors to therapy. Unfortunately, however, 
this approach requires clinicians to wait weeks to months for anatomical changes to 
occur, even though some physiological changes surely occur on shorter timescales. 
In addition, some of the newest therapies (e.g., hormone therapies for breast cancer) 
are potentially "cytostatic." These therapies may stop cancer growth without 
destroying the cancer and may be successful even when no significant reduction in 
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tumor size occurs [1]. So while tumor size will always be important in evaluating 
treatment response, there is a need to predict and monitor cancer therapy on shorter 
timescales. PET scans taken after the first round of chemotherapy are demonstrably 
strong indicators of treatment efficacy in breast cancer patients [2-7]. Likewise, sev­
eral case studies using optical methods to monitor neoadjuvant chemotherapy of 
locally advanced breast cancers have shown promise [8-10]. Unlike PET, continu­
ous or repetitive treatment monitoring is feasible with optics due to its low cost and 
noninvasive nature. In all of these studies, the long-term clinical goal is to predict the 
outcome of treatment early on, while there remains enough time to modify treat­
ment. This is especially important for breast cancer, where many treatment options 
can exist, even if the initial chemotherapy fails. 

DOI and PET can identify resistance factors to cancer treatments. For example, 
hypoxic tumors [i.e., those having a low partial pressure of oxygen (pO2)j are often 
more resistant to radiation and chemotherapy (11-14]. Several studies report that 
the determination of the oxygenation status of a tumor might afford improved dis­
ease management [15-18]. DOI detects tumor hypoxia by measuring decreases of 
tissue blood oxygenation (StO1), and high/low values of StO2 in a lesion with respect 
to the surrounding tissue imply high/low relative values of pO2 in the lesion. Like­
wise, increased 18F-FDG uptake measured with PET is associated with hypoxia. A 
lack of oxygen can lead to the anaerobic metabolism of glucose, which is inefficient 
and requires that cells increase glucose consumption. Thus, 18F-FDG uptake could 
be correlated with tissue StO2• 

There are further potential benefits to be derived by combining DOI and PET. 
DOI data can facilitate more accurate determination of the tumor hypoxic state by 
PET. Some nonhypoxic tumors have high rates of glucose metabolism, and chronic 
hypoxia can lead to decreases in glucose metabolism. 18F-FDG PET alone is there­
fore not always a reliable measure of tissue hypoxia. Indeed, this observation has 
lead to recent research using nitroimidazole PET tracers such as 
18F-fluoromisonidazole to measure tumor hypoxia in variety of cancers, including 
breast cancer [19, 20]. Diffuse optical methods measure tissue oxygenation using 
endogenous contrast. Thus, they are not subject to variations in tracer uptake due to 

physiological factors such as poor perfusion (21]; nor do they require the subject to 
return to the hospital on another day for injection and scan of a second tracer. In 
addition, simple models of the relative rate of oxygen metabolism in tumors can be 
employed by diffuse optical methods (22] and might in the future provide a means to 

study the relationship between FDG kinetics and oxygen metabolism. A high rate of 
glucose consumption that is not accompanied by a high rate of oxygen metabolism, 
for example, would imply that some glucose is being metabolized inefficiently, 
presumably due to an insufficient supply of oxygen. 

Finally, PET techniques are well suited to validate DOI. This validation is 
important because, unlike PET, DOI is still in its initial research phase and has not as 
yet been fully translated to the clinic. It is reasonable to expect that increases in glu­
cose metabolism require more blood for glucose and oxygen delivery and therefore 
should be accompanied by increases in total hemoglobin concentration. In fact, 
18F-FDG uptake has already been shown to correlate well with the uptake of a tumor 
blood-flow-specific tracer in breast cancer [23, 24]. If a strong correlation between 
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hemoglobin concentration and glucose consumption exists, PET could be very well 
suited to validate DOI results. 

The remainder of this chapter is organized as follows. We begin with an intro­
duction to PET imaging for researchers in optical imaging. This is followed by sec­
tions on DOI and fluorescence DOI, with an emphasis on the methods used in 
recent work. Next, we show results from recent clinical research. Comparisons 
between DOI and PET imaging for breast cancer suggest correlations between 
H!F-FDG uptake and optically measured parameters such as total hemoglobin con­
centration and scattering [25]. Fluorescence DOI (FDOI) of human breast using 
indocyanine green (ICG) suggests increased vascular permeability in breast cancers 
[26]. 

10.2 Positron Emission Tomography (PET) 

10.2.1 PET Fundamentals 

Positron emission tomography (PET) is a clinically accepted imaging modality that 
images the uptake of a pharmaceutical of physiological interest by tagging it with a 
positron emitting radioisotope. The tagged pharmaceutical, called a radiopharma­
ceutical, is injected or inhaled. It then distributes in the body in accordance with the 
biokinetics of the pharmaceutical, which are similar to those of its nonradioactively 
labeled analog. When a proton in the nucleus of the radioisotope decays into a neu­
tron, it emits a positron and an antineutrino. The positron travels a short distance 
(-1 mm for 18F) in the tissue losing energy through Coulomb interactions, and even­
tually annihilates with an electron. The annihilation produces a pair of 511-keV 
photons traveling in (nearly} opposite directions [Figure 10.1 (a)]. Assuming neither 
photon is absorbed by tissue, the two photons will exit the body at almost the exact 
same time. PET tomographs are designed to detect these coincident photon pairs 
along all possible projection lines through the body [Figure 10.1 (b)]. By measuring 
the number of photon pairs emitted along each projection line, one can reconstruct 
quantitative maps of the tracer distribution. The resulting image of tracer distribu-
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Figure 10.1 (a) Schematic of positron decay and annihilation. A proton in the unstable nucleus 
decays to neutron giving off a positron and antineutrino. The positron travels a few millimeters in 
tissue before annihilating with an electron to give off a pair ot 511-keV photons traveling in oppo­
site directions. (b) An annihilation event produces two 511-keV photons, which are detected by a 
ring of detectors. 
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tion thus serves as an indication of a physiologic process, which is interpreted by the 
physician. 

The tracer used for most clinical studies is 18F-fluorodeoxyglucose (18F-FDG). As 
18F has a half-life of 109.8 minutes, a relatively large fraction of the 18F decays may 
be detected during a typical 30-minute scan. In addition, the half-life is long enough 
so that the radioactive fluorine can be produced in a regional facility and flown to 
nearby hospitals. An analog of glucose, 18F-FDG enters the cell and is 
phosphorylated in parallel to glucose to form 18F-fluorodeoxyglucose-6-phosphate 
(1 8F-FDG-6-P). However, once phosphorylated, it cannot be further broken down 
by the cell. Furthermore, the 18F-FDG-6-P is not readily dephosphorylated and can­
not cross the cell membrane. As a result, the 18F-containing molecule is metaboli­
cally trapped in the cell. Over time, cells metabolizing larger amounts of glucose will 
accumulate more 18F. An image of the distribution in the body taken about an 
hour after injection offers a quantitative mapping of 18F-FDG uptake. It is therefore 
a good measure of glucose metabolism. 

10.2.2 PET Image Reconstruction 

Image-reconstruction methods in PET can be divided into two general categories: 
analytic and iterative (see [27, Chs. 21 and 22], for a more in-depth treatment). In 
the analytic approaches, the data for each pair of detectors (corrected for attenua­
tion) is treated as the radon transform (line integral) of the tracer concentration 
across the line connecting the two detectors. The tracer concentration is determined 
by inverting the radon transform using filtered back-projection or a related algo­
rithm. Analytic methods are computationally fast; however, they do not permit all 
effects of the measurement process to be modeled. 

Iterative methods require a large amount of computation but permit more accu­
rate modeling of the measurement process. These methods involve the inversion of a 
system matrix (similar to the weight matrix in DOI), which gives the sensitivity of 
each measurement to each voxel in the image. Unlike the weight matrix in DOI, 
however, the system matrix for PET is linear (i.e., the values of its elements do not 
depend on the tracer distribution for which we are solving). Also, in contrast to opti­
cal tomography, where the weight matrix is nearly singular, for most detector con­
figurations, the PET system matrix is well posed and easily inverted. Each row 
corresponds to one detector pair and consists primarily of ones for voxels in a nar­
row volume connecting the pair of detectors and zeroes for other voxels, with 
adjustments that take into account the attenuation and scattering of the 511-keV 
photons, random coincidence events, and detector characteristics. 

The principal difficulty in PET reconstructions is that only a small number of 
photons are collected. As a result, the data is noisy, and it is desirable to take into 
account photon statistics of the measurement. For this reason the system matrix is 
inverted using iterative algorithms that attempt to find the tracer distribution with 
the highest probability for producing the measured data. The maximum-likelihood 
expectation-maximization (ML-EM) algorithm, first used in emission tomography 
in the 1980s, is the best known [28, 29]. Several other algorithms have been devel­
oped to speed up the slow convergence of the ML-EM algorithm when reconstruct­
ing large 3D volumes. One of these, the three-dimensional row-action maximum 
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likelihood algorithm (3D RAMLA), was used to generate the PET reconstructions 
for the work presented in this chapter [30]. 

10.2.3 PET Instrumentation 

We wi11 compare 3D DOI reconstructed breast images with PET images of the same 
breast acquired by two different PET scanners: a dedicated breast-only PET (BPET) 
scanner developed at the University of Pennsylvania and a commercially available 
whole-body PET scanner (Allegro, Philips Medical Systems). We briefly describe 
the scanners here. For a thorough discussion of PET system design, the reader is 
referred to the review by Lewellen and Karp [27, Ch. 10]. 

Commercially available whole-body PET tomographs achieve high sensitivity 
to 511-ke V annihilation photon pairs using a cylindrical configuration of detectors 
surrounding the patient. The imaging instrument used for acquisition of 
whole-body PET images in this chapter was an Allegro scanner, with an axial field 
of view (FOV) of 18 cm, a transaxial FOV of 56 cm, and a ring diameter of 86.4 cm 
at the surface of the detectors. The scanner exhibits 5-mm spatial resolution (i.e., 
FWHM of a point source) and a sensitivity of 4.4 cps/kBq [31]. 

In our study, patients fasted for at least 4 hours prior to the scan. Each scan was 
initiated 60 minutes after intravenous administration of 18F-FDG with a dose of 5.2 
MBq/kg. Sequential overlapping scans were acquired to cover the body from neck 
to pelvis as the patient lay supine on the gantry. Transmission scans obtained with a 
137 Cs point source were interleaved between the multiple emission scans to correct 
for nonuniform attenuation of the 511-ke V photons by the patient's body and the 
gantry. 

The ability to image breast cancer with 18F-FDG PET has led to the development 
of a dedicated breast-imaging PET scanner, BPET [32, 33]. In a whole-body scan­
ner, the 511-keV photons emitted from the breast are attenuated by the body, 
reducing the scanner's sensitivity to breast lesions. In contrast, a dedicated breast 
scanner permits the breast to be imaged with significant reduction in attenuation 
(i.e., about a factor of 10 reduction). The subject lies prone on a table with an open­
ing to allow the breast to drop between two detectors whose separation distance can 
be adjusted to accommodate different-sized breasts [Color Plate 23(a)J. 

The scanner is composed of two curved-plate Nal(Tl) detectors of 1..9-cm thick­
ness each with an active area of 28 x 21 cm2

• By positioning the detectors close to 
the breast, a large solid angle can be covered, thus optimizing the system's sensitiv­
ity for a split-ring configuration. However, this configuration leads to the loss of 
data from the 511-keV photons arriving at angles not covered by the detector 
plates. In fact, for a typical separation of 20 cm, the angular coverage of 180° corre­
sponds to one-half of the complete angular acceptance. This geometry requires the 
use of a limited angle reconstruction, which we perform using a modified version of 
3D RAMLA that compensates for the missing data. 

The spatial resolution of the system varies from 3.8 mm (radially at center) to 
4.5 mm (radially at r 5 cm). The Allegro whole-body scanner has a uniform spatial 
resolution of 5 mm. Phantom measurements have demonstrated superior contrast 
recovery for BPET compared to the Allegro instrument as a result of the improved 
spatial resolution, even with the loss of data due to the limited angle geometry. A 
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pilot study of 20 patients imaged with both Allegro and BPET demonstrated good 
correlation in lesion detectability, but better detail in the breast lesions was achieved 
in the BPET images {34]. 

10.3 Diffuse Optical Imaging (DOI) 

10.3.1 DOI Instrumentation 

There are two basic approaches for combining diffuse optical measurements with 
measurements from other medical imaging modalities. In one approach the DOI 
device is incorporated into the other device. This approach was described in Chapter 
6 by Carpenter and Pogue (MRI) and in Chapter 9 by Fang, Carp, Selb, and Boas 
(X-ray tomosynthesis) [35-38]. The advantage of such a system is that measure­
ments from the two modalities can be made concurrently in the same geometry, 
facilitating coregistration of the resulting images. However, integration of the DOI 
system into another instrument places restrictions on both instrumentation types. In 
the second approach, measurements are taken on separate stand-alone devices. 
Parameters are derived optimally from the respective images (taken separately) and 
compared. Then, as described by Azar in Chapter 7, software can be used to 
coregister the images for a more detailed comparison. This approach readily permits 
DOI measurements to be combined with more than one modality. 

Our DOI imaging device is a hybrid system [Color Plate 23{b)]. The instrument 
takes both continuous-wave transmission and frequency-domain remission mea­
surements at six near-infrared wavelengths in the parallel-plate soft-compression 
geometry. The patient lies in a prone position with her breasts inside a box with an 
antireflection coated glass window on the detector side. A compression plate holds 
the breast in place against the viewing window by mildly compressing the breast to a 
thickness of between 5.5 and 7.5 cm. The box is then filled with a matching fluid 
with optical properties similar to human breast. The matching fluid consists of 
water, India ink for absorption, and a fat emulsion for scattering. 

Six diode lasers (650, 690, 750, 786, 830, and 905 nm), four of which (690, 
750, 786, and 830 nm) are intensity-modulated at 70 MHz, are connected via opti­
cal fibers and series of optical switches (Di Con Fiber Optics, Richmond, California} 
to 4 5 source positions located on the compression plate. The source positions form a 
9 x 5 grid with a separation of 1.6 cm between nearest neighbors. The breast is 
scanned by serially guiding the light from each laser to each source position. 

For remission detection, nine homodyne frequency-domain detector units {39] 
are connected to the compression plate by a 3 x 3 grid of 3-mm detector fibers with a 
spacing of 1.6 cm. Each unit contains an avalanche photodiode and utilizes a homo­
dyne technique to derive the amplitude and phase of the detected signal. For trans­
mission detection, a CCD camera (Roper Scientific, Trenton, New Jersey, 
VersArray:1300F) is focused on the viewing window. It acquires an image for each 
source-position/laser combination with an exposure time of 500 ms. A 24 x 41 grid 
of 984 pixels is selected from the CCD chip. It measures the continuous wave light 
intensity at locations on the viewing window with a spacing of -3 mm. 
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10.3.2 DOI Image Reconstruction 

Our multispectral approach permits us to solve directly for oxy- and 
deoxyhemoglobin concentrations via decomposition of the absorption coefficient 
into contributions from individual chromophores, assuming a simple Mie-scatter­
ing approximation for the reduced scattering coefficient. We implemented this 
approach by modifying the Time-resolved Optical Absorption and Scattering 
Tomography (TOAST) software in order to utilize multispectral continuous wave 
data [40]. The method is described in detail in Corlu et al. [41]. 

The propagation of near-infrared light in biological media is modeled by a dif­
fusion equation [42]. In the frequency domain, the equation has the form 

(10.1) 

Here <I> is the photon fluence rate,A is the wavelength of the light source, w is the fre­
quency at which the light source is intensity-modulated (w O for continuous-wave 
measurements), q

0 
is the light source distribution, and c is the speed of light. The 

optical properties of the breast are described by the light diffusion coefficient 
D ""113/.-t; (/.t; is the reduced scattering coefficient), the absorption coefficient µa, 
and the tissue index of refraction n. 

We model the absorption coefficient as the sum of the absorption from the indi­
vidual chromophores (Hb, HbO2, water, and lipids) in the breast, that is, 

(10.2) 

Here, each c1 is the concentration of the ith chromophore, and e,(1) is the corre­
sponding wavelength-dependent extinction coefficient. We model the wavelength 
dependence of the reduced scattering coefficient using simplified Mie scattering the­
ory [43, 44]. A scattering prefactor, A, depends primarily on the number and size of 
the scatterers, and a scattering exponent, b, depends on the size of the scatterers. 
They are combined as follows: 

µ; AXb (10.3) 

Our goal is to reconstruct spatial maps of A, b, and the chromophore concentra­
tions by minimizing the difference between measured data and predictions of the 
photon diffusion model. 

Two scans are made for each breast: a reference scan in which the tank is filled 
with matching fluid only and a scan with the breast immersed in matching fluid. We 
fit data from the frequency-domain measurements of the breast to an analytic solu­
tion of the diffusion equation for a homogeneous medium in the slab geometry in 
order ro obtain estimates of the average chromophore concentrations, scattering 
prefactor A, and scattering power b inside the breast. The absorption due to volume 
concentrations of water (31 % ) and lipid (57%) in the breast is held fixed, based on 
values from the literature [45-47}. The optical properties of the matching fluid are 
determined independently by fitting to the frequency-domain measurements of the 
reference scan. 
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A photograph of the compressed breast is taken just before the scan. It allows us 
to segment the imaging volume into breast and matching fluid regions. Using aver­
age results for the breast as an initial guess, we then employ a nonlinear conjugate 
gradient algorithm to solve directly for 30 tomographic maps of the chromophore 
concentrations and scattering prefactor A inside the breast. The scattering ampli­
tude b is held fixed at its bulk value, as are the optical properties of the match­
ing-fluid region. At each iteration, a finite element solver predicts the detected 
continuous-wave light intensity based on the current maps of chromophore concen­
trations, and these maps are then updated in order to minimize/, which represents 
the difference between measured and predicted values of light exiting the breast. 
Finally, the resulting maps are combined to form images of total hemoglobin con­
centration [THC(r) = CHb(r) + CHw, (r)], blood oxygen saturation [StO2(r) = 
CHbo

2 
(r)/THC(r)], reduced scattering coefficient [µ;(r) = A(r)A.-bJ, overall optical 

attenuation[µ ,fl (r) = ✓µa (r)/D(r) 1 and an empirical optical index [OI(r) = rTHC(r) 

x rµ; (r)/rStO2(r) ]. 

10.4 Fluorescence Diffuse Optical Imaging (FDOI) 

The use of exogenous contrast agents holds potential to increase the number of 
physiological parameters that can be measured by diffuse optical methods. Fluores­
cent contrast agents have been used to measure tissue pH [48], intracellular calcium 
concentration [49], and a variety of tumor-specific receptors [50-56]. Many 
researchers have explored the use of fluorescence imaging in turbid media [57-61]. 
Because it is approved by the FDA, the most widely used contrast agent in the diffuse 
optics community has been indocyanine green (ICG). Several studies suggest that 
leaky vasculature in tumors delays the washout of ICG, raising the relative concen­
tration between cancerous and normal tissue [35, 62, 63]. 

In our experiments, an additional ICG fluoresence scan is performed after the 
endogenous optical properties of the breast are measured using the methods 
described in Section 10.3. The fluorescence scan is performed with 786-nm excita­
tion light. An 830-nm bandpass filter (OD= 4, CVI Laser Inc.) and a 785-nm notch 
filter (OD= 6, Semrock, Inc.) are placed in front of the CCD. The notch filter is put 
in front of the bandpass filter. In this way, the 786-nm excitation light is blocked 
before reaching the bandpass filter, preventing the detection of excitation­
light-induced bandpass filter autofluorescence. The total extinction of 785-nm 
excitation light is 10 dB,' and the transmission loss of 830-nm emission light is 
approximately 50% (mostly due to the bandpass filter). 

The protocol for the fluorescence scan is as follows. A monitoring scan consist­
ing of repeated measurements using a single source position begins 45 seconds 
before the administration of ICG. This scan is used later to derive the ICG 
pharmacokinetics. A bolus of sterile ICG is then given for 30 seconds, followed by a 
normal saline flush of 20 cc for 30 seconds. After 24 frames (i.e., 6 minutes) of the 
monitoring scan, a full tomographic scan using all 45 source positions (including the 
one used in the monitoring scan) is conducted. 
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For fluorescence image reconstruction, we attempt to determine the spatially 
varying concentration of fluorophore in the sample. The transport of the emitted 
light is governed by (10.1) at the emission wavelength. For a continuous-wave mea­
surement (w = 0), the concentration of fluorophore is related to the source term on 
the right side of this equation by 

q O ( A fl, r) = C( r) X e( ). ex ) X 1J X <I>{). ex, r) (10.4) 

That is, the amount of fluorescent light emitted %(Af1, r) is proportional to the 
product of the fluorophore concentration C(r) and the amount of excitation light 
<l>(Aex' r). The amount of excitation light inside the medium can be calculated by 
solving the diffusion equation with, for example, finite element methods using the 
reconstructed values of µ(}.,ex, r) and µ; (Aex' r) determined from the endogenous scan. 

(Here we are typically ignoring the small extra absorption due to the fluorescent 
probe.) The proportionality constants are the extinction coefficient c(Aexl and the 
fluorescence quantum yield 1J of the fluorophore. 

To solve for the fluorophore concentration, we convolve the source term (10.4) 
with the Green's function for the diffusion equation (10.1) given the optical proper­
ties of the medium. Since the excitation and emission wavelengths are close, it is a 
reasonably good approximation to use the optical properties determined at the exci­
tation wavelength from the endogenous image reconstruction. Thus, the equation 
we must solve is 

(10.5) 

It is common to account for systematic errors ( e.g., varying detector efficiencies and 
light strengths between different source/detector pairs) by multiplying the measured 
emission data by the calculated excitation data divided by the measured excitation 
data [i.e., <l>)A,x, rs, rJ)l<l>m(A,x, rs, rd)] [64]. In addition, it is necessary to scale the 
emission data to account for the ICG washout that occurs during the (10-minute) 
fluorescence scan. Ideally, the scaled data should represent the signal that would be 
measured if the emission light for all the source positions could be measured at the 
same time. The scaling can be accomplished by monitoring the ICG kinetics using a 
single source position as described above, then fitting the measured fluorescent sig­
nal to a decaying exponential. For each CCD exposure, the measured value for all 
pixels is multiplied by expfP(ti - t0)] where /3 is the decay rate of the monitored fluo­
rescence signal, t; is the time at which source i is measured, and t0 is the time at 
which we are solving for the fluorophore concentration C(r) [63]. 

Once the raw emission data has been adjusted, the simplest approach is to 
divide the sample into voxels with volume h3

, discretize (10.5), and solve the result­
ing matrix equation. For each measurement i and voxel j in the medium, we let 

and 

= h 3
<'P, ( Ar?' r,i, r, )G C ( A/1' r i, rd, )eUex )11 

X
I 

C(r
1

) 

(10.6) 

(10.7) 
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b (10.8) 

We then solve the matrix equation 

(10.9) 

to get the fluorophore concentration for each voxeL The regularization term aL can 
take many forms. In our reconstructions, a is constant, and L is a Laplacian matrix 
(for details, see [63, 65]). 

In order for FDOI to be successful, the amount of detected emission light must 
be much greater than the amount of excitation light that is still detected. That is, we 
require that 

(10.10) 

where E is the relative detection efficiency between the emission and excitation 
wavelengths (E ~ 5 x 109 using the filters described earlier). The photon fluence rate 
at the emission wavelength can be calculated from (10.5). For simplicity, let us 
assume that the concentration of fluorophore is zero outside of a small region cen­
tered at r (e.g., outside a tumor at r), and that all spatially dependent variables in 
(10.5) are approximately constant in this region. The left-hand side of (10.10) then 
becomes approximately 

<V(X,x, rs, r )G( A11 , r, rd )r( A,x )t7C( r )V 
--------------E 

<l\Aex,r,,rd) 
(10.11) 

where Vis the volume of this region. For ICG in water, e(A,,,) = 0.254 cm-1/µM [66] 
and 1J 0.016 [67]. For a source/detector pair located directly across from each other 
through a slab of thickness L 6 cm, with µa= 0:05 cm-1

, µ; = 8 cm-1, and a 1 cc flu-

orescent inclusion with an ICG concentration of 1 µM, ( 10.11) equals~ 107 which is 
indeed> 1. 

Unfortunately, this signal level also means that the amount of fluorescent emis­
sion light detected due to the fluorescent inclusion will be~ 10-3 less than the excita­
tion photons detected during the endogenous scan. For this reason, the CCD 
exposure time must be increased from 500 ms to ~ 15 seconds for the fluorescent 
scan. 

10.5 Clinical Observations 

10.5.1 Whole-Body PET and DOI 

The simplest way to compare images from two different modalities is to use 
stand-alone scanners, analyze the images from each modality separately, and then 
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compare the results. Several studies have used this approach to compare the results 
of diffuse optical measurements of human ~reast with other modalities including, 
MRI [8, 35, 68], X-ray mammography [69-71], and ultrasound [70, 72). 

In a recent study we compared DOI and whole-body PET images from 14 sub­
jects with breast lesions [25]. Contrast was visible in both DOI and PET images for 
nine subjects, in neither DOI or PET for two subjects, and in PET only for three sub­
jects. When contrast was seen in the DOI images it always appeared in THC, 
µ; ,µeff, and optical index. Significant contrast was never observed in StO 2• 

These results were compared with the pathology reports from biopsies taken 
after imaging. A summary of the results is found in Table 10.1. Of the nine subjects 
who showed both DOI and PET contrast, histopathology confirmed invasive ductal 
carcinoma (IDC) with ductal carcinoma in situ (DClS) in seven subjects, DCIS only 
in one subject, and normal breast tissue in one subject. In one of the subjects with 
IDC, two distinct lesions were visible with PET, but only the larger one was visible 
with DOI. For the subject with normal breast tissue, the increase in FDG uptake was 
located at a previous surgical site and was due to a postexcisional inflammation. 
This inflammation was visible in the DOI images as well. Of the two subjects who 
showed neither DOI nor PET contrast, one had a possible lipoma (benign), and the 
other had a cyst. Of the three subjects who showed contrast in PET but not in DOI, 
one had IDC and DCIS, one had a cyst (superficial and probably infected), and one 
did not receive a biopsy after negative findings from both ultrasound and MRI. For 
this subject, the uptake of FDG was diffuse (i.e., no clear focus of FDG uptake was 
visible). 

Table 10.1 Visibility of Lesions to DOI and Whole-Body PET Compared with Histopathology 
After Imaging 

Days 
Between 
DOI and PET Visible Visible 

Subfect Age Examination in PET in DOI Histopathology (tJ1pe, mBR grade .. size) 

1 48 4 Yes Yes JDC and DCJS, 3 + 3 + 3 = 9, 2 cm 

2 45 0 Yes Yes IDC and DCIS, 3 + 3 + 3 = 9, 0.5 cm 

3 39 0 Yes Yes JDC and DCIS, 2 + 2 + 2 6, 3.4 and 0.8 cm 

4 44 0 Yes Yes JDC and DCIS, 3 + 3 + 1 7, 2.3 cm 

5 44 0 Yes Yes IDC and DCIS, 3 + 2 + 2 = 7, 1.8 cm 

6 51 0 Yes No None !superficial cysr) 
7 64 0 Yes Yes DCIS, 0.9 cm I 

8 43 0 Yes No None (MR] and US negative results) 

9 53 0 No No Cyst 

10 59 0 Yes Yes Normal rissue (surgical inflammation) 

11 44 0 Yes Yes IDC and DCIS, 3 + 3 + 3 9, 1.5 cm 

12 50 13 No No Mamre adipose tissue (possible lipoma) 

13 61 0 Yes No JDC and DCIS, 1 + 2 + 1 = 4, 0.8 cm 

14 37 0 Yes Yes JDC and DCIS, 3 + 3 + 3 = 9, 2.3 cm 
JDC: invasive ductai carcinoma~ DOS: duct al carclnorr~a in sftu~ mBR grade-: { modified) Bloom-Richardson grade. 
Source: [25]. 
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A quantitative comparison of tumor-to-background ratios between the DOI and 
whole-body PET images showed positive correlations (p value< 0.05) between FDG 
uptake and THC,µ;, µ,rt and optical index. However, correlation coefficients for 
these parameters were not particularly high ( R = 0.67-0. 76). These results are sum­
marized in Figure 10.2. Using the mean and maximum standardized uptake values 
for the PET scans, as opposed to tumor-to-background ratios, had little effect on the 
correlations with DOI parameters. Comparison of tumor-to-background ratios for 
both PET and DOI did not show significant correlations with age, tumor grade, or 
tumor size. 

10.5.2 Breast-Only PET and DOI 

A more rigorous approach to comparing images from different modalities is to 

coregister the images. Coregistration of DOI and BPET images makes possible com­
parison of specific regions of the BPET images with their corresponding regions in 
DOI images. Coregistration also enables one to determine to what extent lesions 
appear in the same spatial locations for the two modalities. Reconstructed DOI 
images have been coregistered with MRI [36, 37, 731, ultrasound [74, 75J, and 
X-ray mammography [38, 76]. 

In our study comparing DOI and PET [25], we had the opportunity to coregister 
DOI images of three subjects with breast abnormalities with PET images acquired 
on the dedicated breast-only PET scanner (BPET) described in Section 10.2. As 
described in Section 10.3, our DOI device is a stand-alone breast imager. Thus, PET 
and DOI images were not acquired concurrently. Instead, they were acquired at dif­
ferent times and in slightly different geometries. Fortunately, the similar geometries 
of the scanners made coregistration possible, though the problem was made more 
challenging because the breast hangs freely in the BPET scanner, while in the DOI 
scanner, the breast is mildly compressed (to a thickness of between 5.5 and 7.5 cm). 
Using the methods reported in [73] (and in Chapter 7), we were able to deform the 
DOI breast images and align them with the BPET breast images. 

The coregistered images in Figure 10.3 show qualitatively that DOI parameters 
(with the exception of StO2) are above average in the RO Is determined from BPET. 
To confirm this observation, we performed the following analysis. For each DOI 
image, we calculated the average value of particular image parameters for all voxels 
in the entire breast and for all voxels in the ROI. The tumor-to-background ratio 
(TBR) is defined as the ratio of these two parameters (i.e., TBR = <roi>l<breast>). 
The optical index parameter shows the greatest contrast (TBR = 1.5-1. 7). THC,µ;, 

andµ 41exhibit somewhat less contrast (TBR = 1.1-1.4 ), while very little variation in 
StO, is observed (TBR = 1.0}. 

10.5.3 ICC Fluorescence 

As mentioned previously, exogenous fluorophores expand the number of physiolog­
ical parameters that can be measured with DOI and PET. One such parameter of 
recent interest is vascular permeability. Several studies have explored the use of ICG 
as a contrast agent to help the detection and imaging of breast tumors. Many rapidly 
growing tumors have increased vascularity and leaky blood vessels. Certain small 
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molecules, such as the MRI contrast agent gadolinium chelate, can leak from these 
blood vessels and then accumulate in the intravascular space. Breast imaging with 
ICG is predicated on the hypothesis that ICG, a small molecule that binds to albu­
min in plasma, will accumulate in this space as well. Indeed, ::--.itziachristos et al. [35] 
imaged absorption contrast due to ICG in the breast of three subjects. Their mea­
surements were made concurrently with gadolinium-enhanced MRI and exhibited 
agreement with respect to the localization and contrast of lesions. lntes et al. (62] 
were also able to localize breast tumors using ICG absorption. In addition, their 
research provided evidence that variation of the in vivo ICG pharmacokinetics 
between normal and diseased tissue may help to distinguish benign from malignant 
tumors. 

Successful in vivo fluorescence DOI (FDOI) has been demonstrated in 
whole-body imaging in mice by several authors with a variety of fluorescent probes 
(51, 77-81}. Researchers have also explored fluorescence lymph imaging in mice 
[82], swine [83}, and breast cancer patients [84]. Recently, Corlu ct al. were able to 
translate FDOI into humans using ICG fluorescence to image breast tumors in three 
subjects (63). Two of the three subjects were also measured using whole-body PET. 
The schematic in Color Plate 24(a) shows the location of an invasive ductal carci­
noma in a 46-year-old premenopausal female. The tumor is clearly visible in the 
gadolinium-enhanced MR image [Color Plate 24(b)], which is also a measure of 
vascular permeability. To get a composite view of the raw data, the sum of the CCD 
exposures from all source positions during the fluorescent scan divided by the sum 
of all CCD exposures during the endogenous scan is shown in Color Plate 24(c). 
The right-hand side of the image corresponds to the lateral side of the right breast as 
viewed from the feet of the subject. Color Plate 24(d) shows an axial slice from the 
18F-FDG whole-body PET images of this subject. The right breast containing the 
tumor appears in the upper left corner. Color Plate 25(a) shows the reconstructed 
DOI images of this breast. The tumor is clearly visible in the total hemoglobin, 
reduced scattering, and ICG concentration images. However, as shown in Color 
Plate 25(6), the contrast in the ICG concentration image is significantly larger. ICG 
and 18F-FDG uptake were visible in similar locations for the two subjects having 
both PET and FDOl scans. The maximum standardized uptake values of 18F-FDG in 
the two subjects were 1.6 and 3.8, compared to ICG contrast ratios of 5.5 and 3.5, 
respectively. Further work is needed in order to determine what relationship, if any, 
exists between ICG contrast and the uptake of 18F-FDG. 

Summary 

PET, DOI, and FDOI are functional imaging techniques that interogate cancer 
physiology in deep tissue in vivo. Combined, they have the potential to measure a 
large number of functional parameters. Among these parameters, glucose metabo­
lism, hypoxia, tissue hemoglobin concentration and saturation, tissue scattering, 
and vascular permeability were explored in this chapter. This work, the first to 
explore the potential of PET and DO] multimodal imaging, will likely stimulate fur­
ther investigation along these lines for cancer-response characterization. 
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