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Recently, there has been a great amount of interest in developing multi-modality imaging
techniques for oncologic research and clinical studies with the aim of obtaining complemen-
tary information and, thus, improving the detection and characterization of tumors. In this
present work, the details of a combined MR-diffuse optical imaging system for dual-modality
imaging of small animals are given. As a part of this effort, a multi-spectral frequency do-
main diffuse optical tomography system is integrated with an MRI system. Here, a network
analyzer provides the rf modulation signal for the laser diodes and measures the amplitude
and the phase of the detected signals. Photomultiplier tubes are utilized to measure low-
level signals. The integration of this optical imaging system with the 4T MRI system is
realized by incorporating a fiber adaptive interface inside the MR magnet. Coregistration is
achieved by a special probe design utilizing fiducial markers. A finite element algorithm is
used to solve the diffusion equation and an inverse solver based on this forward solver is
implemented to calculate the absorption and scattering maps from the acquired data. The
MR a priori information is used to guide the optical reconstruction algorithm. Phantom stud-
ies show that the absorption coefficient of a 7 mm inclusion in an irregular object located in
64 mm phantom is recovered with 11% error when MR a priori information is used. ENU
induced tumor model is used to test the performance of the system in vivo.

Keywords: Diffuse Optical Tomography; DOT; MRI; Multimodality; Animal Imaging; Cancer;
and Reconstruction.

Introduction

The last decade has brought revolutionary new imaging techniques into cancer
research and clinical practice. Along with accurate anatomical measurement
techniques to detect and localize tumors, methods based on quantifying physi-
ologic and metabolic properties are being developed. Optical imaging is one
of these promising techniques and recent advances in the optical imaging field
have focused on the transfer of techniques from laboratory to the clinic (1-11).
Optical absorption and scattering coefficients are direct measures of tissue bio-
chemical composition and morphology, and are true functional indicators of the
tissue system. Specifically, optical absorption arises from the presence of spe-
cific biomolecules that absorb light at a particular wavelength. For near-infrared
light, these biomolecules include hemoglobin, oxygenated-hemoglobin, water,
and fat. Thus, an accurate quantitative measurement of optical absorption at
multiple wavelengths in the near infrared provides the means to determine the
absolute concentrations of these biomolecules within tissue. The hemoglobin
concentration and oxygen saturation yield information about human cerebral ac-
tivity. Together with water content and scattering parameter, they are also used
for cancer detection (12-17). The total hemoglobin concentration of tumors
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were found to be three- to four-fold greater while the oxygen
saturation levels were shown to be reduced compared to the
normal tissue (18). These differences are due to the vessel
formation in the tumors and the oxygen extraction demands
of rapidly proliferating, metabolically active tumor cells.
Moreover, tissue scattering may encode morphologic and
pathophysiologic changes in tissue. It is believed that, the
origin of the transport scattering coefficient is due to the dif-
ferences in the index of refraction between the extracellular
or cytoplasmic fractions of tissue and the lipid composition
of the membranes bounding each cell and cellular organelle.
Hence, variations in the scattering spectral features may
indicate subcellular compositional changes in that matrix
structure as a result of the invasion of diseased tissue into
the surrounding stroma (9, 19-21).

Meanwhile, transgenic manipulation of small animals that
are used as models of human diseases and pathological con-
ditions together with the “reporter” gene technology have
intensified the development of in vivo imaging systems for
small animals (22-25). Initially, established imaging tech-
nologies such as MRI, CT, PET, and SPECT were adapted
for small animal imaging. More recently, the optical imag-
ing techniques have been applied for small animal imaging
as well. The advance of fluorescence and bioluminescence
reporter gene and reporter probe approaches allow the wide-
spread utilization of fluorescence and bioluminescence imag-
ing systems (26, 27). Although nuclear imaging (PET and
SPECT), MR and CT are inherently tomographic imaging
modalities, in most cases, the optical imaging has been ac-
complished with planar imaging systems that are unable to
resolve depth and hence, have limited resolution. On the
other hand, unlike the other modalities, planar optical imag-
ing techniques provide a relatively simple, robust, cost-ef-
fective, and extremely sensitive means to image fundamental
biological processes in vivo. To overcome the limitations of
the planar imaging, tomographic methods have recently been
applied in optical imaging with the help of the mathemati-
cal models that describe the photon propagation in the tissue
and improved detection techniques (28-32). Two of these
techniques, bioluminescence and fluorescence tomography,
are intended to reconstruct 3D volumetric images that ac-
curately localize signals and enable quantitative studies of
bioluminescent sources and fluorescent contrast agents. The
inverse problem in bioluminescent tomography that involves
only internal light sources is more difficult compared to fluo-
rescence tomography that uses external light source for ex-
citation, in vivo applications of both techniques have already
been demonstrated for small animal imaging (33-35).

In addition to these, the diffuse optical absorption and scat-
tering tomography (DOT) has been also evaluated for small
animal imaging. There have been a number of applications
using DOT technique for small animal imaging (36-39). In
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addition to hemoglobin concentration, blood volume, and
oxygen saturation, diffuse optical imaging techniques have
also been applied for cerebral and tumor blood flow measure-
ments (40-42). Lately, Xu et al. reported an MRI coupled
broadband near-infrared (NIR) tomography system for small
animal brain studies (43).

In this paper, we describe the development of an MRI cou-
pled frequency domain near-infrared DOT system for can-
cer imaging in small animals. Although similar hybrid sys-
tems have been used for breast cancer imaging, to the best
of our knowledge the combined MR-DOT system described
in this manuscript is the first one dedicated for cancer imag-
ing in small animals.

Frequency domain diffuse optical tomography uses arrays
of sources and detectors to obtain spatially dependent opti-
cal parameters of tissue. Frequency-domain measurements
provide information on the average photon path traveled
in addition to the optical flux. This additional data provide
uniqueness of the solution in recovering both coefficients
simultaneously and allows the separation of absorption and
scattering (44). Frequency domain systems require less ex-
pensive instrumentation compared to the time-resolved sys-
tems and have been successfully applied in imaging (44-48).
To generate the absorption and scattering image, a finite ele-
ment (FEM) reconstruction algorithm based on the diffusion
equation is used (49-53). FEM models are versatile and ap-
plicable to complex geometries. This aspect of FEM makes
it attractive for incorporating a priori information such as
MR images. Generally, a Newton-type algorithm is used to
obtain the solution that provides minimum error between the
measured data and estimated measurements from the FEM
forward solver. Since the number of measurements is sig-
nificantly less than the number of elements of the FEM mesh
constructed for modeling the imaging volume, the inverse
problem is underdetermined. It is also ill posed and these
properties of the inverse problem limit the spatial resolution
and the accuracy of reconstructed optical parameters.

Multi-modality imaging systems such as combined DOT/
MRI can provide complementary information and improve
the characterization of tumors further. Magnetic resonance
imaging and near-infrared diffuse optical tomography are
two noninvasive techniques that provide complementary
structural and functional physiological information. DOT
can be used to obtain the chromophore concentration maps
such as oxy- and deoxyhemoglobin, water, and fat whereas
MRI provides high-resolution structural and functional in-
formation such as water, fat, and vascular volume. The FEM
reconstruction algorithm for optical imaging requires the ac-
curate knowledge of the boundary of the imaging volume.
As a part of this combined system, MRI not only provides
precise outer boundary of the imaging volume but also infor-
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mation about the internal structures. The internal structure
information can be used to divide the imaging volume into
compartments and constrain the reconstruction process. It
has been already shown that a priori structural information
improves the accuracy of the model and makes the problem
better determined by allowing the small number of measure-
ments to be used in a more effective way (53-61).

Moreover, MRI may also provide water and fat concentra-
tions, and vascular volume information that can be used to
improve the reconstruction accuracy of the oxy- and deoxy-
hemoglobin and thus the detection and characterization of
the tumor due to the associated vasculature. The DOT sys-
tem acquires the data in tomographic geometry and photo-
multiplier tubes (PMTs) are used to detect sub-picowatt light
levels that are typical for this geometry. Although PMTs
provide higher sensitivity, their cut-off wavelength, which is
around 850 nm, prohibits the accurate reconstruction of water
and fat concentration from the measurements. Therefore, av-
erage bulk water and lipid content values are normally used
for the concentration of these two chromophores. However,
the accuracy of the reconstructed oxy- and deoxyhemoglobin
concentrations can be improved by using water and fat con-
centrations obtained from MRI as a priori information for
the optical reconstruction (60, 62).

Coregistration of these two methods has the potential to
enhance our understanding of the complex biological pro-
cesses associated with tumor transformation and growth.
Ultimately, the combination of the two measurement tech-
niques can be applied to monitoring tumor changes in re-
sponse to therapy, resulting in an improved method to test
cancer treatment efficacy. Previously, we had integrated a
diffuse optical spectroscopy (DOS) system with MRI under
collaboration with the Photon Migration Group directed by
Dr. Tromberg (Beckman Laser Institute, UCI) for dual-mo-
dality measurements on small animals bearing tumors (61,
63, 64). In this work, we extended this dual-modality ap-
proach to tomographic imaging and built a small animal
DOT system compatible to MR. Multi-compartmental solid
and liquid phantoms were used to evaluate the performance
of the system. Finally, ENU induced tumor model is used to
test the performance of the system in vivo.

Materials and Methods

The design and construction of the combined MRI-DOT sys-
tem, the details of data acquisition, phantom construction,
and analysis are described in this section.

Instrumentation

Diffuse Optical Tomography (DOT): The details of the
DOT system was previously given by Gulsen et al. (65). The
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Figure 1: The schematic diagram of the multi-frequency DOT set-up.

DOT system is based on a network analyzer (Agilent Tech-
nologies, Palo Alto, CA), which measures the amplitude and
the phase of the detected signals, and also provides the rf sig-
nal to modulate the amplitude of the laser diode sources. The
network analyzer permits prompt selection of the modulation
frequency between 100 MHz and 300 MHz. These limits are
specific to our DOT system determined in the previous stud-
ies (65). Figure 1 shows the schematic of the DOT system.
The system employs four different wavelengths, 665 nm (50
mW Intelite, Genoa, NV), 785 nm (75 mW, Thorlabs, New-
ton, NJ), 800 nm (150 mW Intelite, Genoa, NV), and 830 nm
(100 mW Intelite, Genoa, NV). The laser diodes are driven
by a DC current source (ILX Lightwave, Bozeman, MT). The
laser diode outputs are multiplexed through the source fibers
by a fiber optic switch (DICon Fiberoptic, Richmond, CA).

Photo multiplier tubes (PMT) are selected to measure low-
level signals in fan-beam geometry. One PMT (R7400U-20
Hamamatsu, Japan) is used for each of the eight detection
sites. The gain of each PMT can be adjusted individually and
is determined at the beginning of an experiment. During an
imaging session, the gain setting of each PMT is kept con-
stant. A 1 x 8 RF switch (Hitite, Chelmsford, MA) and a 65
dB amplifier (Sonoma Instruments, Sonoma, CA) combina-
tion is used to multiplex and amplify the output of the PMTs.

The detectors nearest to the source receive orders of magni-
tude more incident light than those that are the farthest due to
the detection geometry. Thus, either the light level or the gain
of the PMT must be adjusted because of the limited dynamic
range of the PMT. A filter wheel is used between the PMTs
and fibers in the detection unit to reduce the dynamic range of
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Figure 2: The picture of the DOT system

the measured light level. Therefore, the extensive dynamic
range of the intensity measured from the sample is tuned to
the dynamic range of the PMTs. This approach allows keep-
ing the gain of each PMT at a certain value during the experi-
ment and by making the calibration procedure easier, reduces
any error that is potentially inherent in other types of calibra-
tion techniques. Keeping the PMT’s bias voltage constant
during the experiment decreases the voltage hysteresis while
the neutral density filters limit the dynamic range of the light
detected by the PMT thus, reducing the light hysteresis.

The PMTs, their high voltage power supplies, the rf switch,
the filter wheel, and the rotation stage are all placed in a
shielded aluminum box. The power supply lines for the cir-

— A\
Figure 3: The new generation fiber optic interface. RF coil is fixed in
the center of the fiber interface. Hydraulic actuators are used to move the
fiber probes.

Gulsen et al.

cuits and the rotation stage, the control voltages for the high
voltage power supplies, and the rf switch are filtered by feed-
through filters located on one side of the aluminum box. All
of the DOT instruments were placed on a cart that allowed
the transportation of the system from lab to the MRI facility
that is in close proximity, Figure 2.

Integration with the Magnetic Resonance Imaging
(MRI) System: The MRI system being used with the DOT
is a homebuilt 4T human whole body scanner with a Mar-
coni Medical, Inc. console. The bore diameter of the MRI
is 94 cm, and a homebuilt birdcage rf coil for small animal
is used to transmit and receive signals. To avoid the effects
of fringe fields of the 4T magnet on the instrumentation, the
DOT system is placed in a separate room, 15 m away from
the magnet bore. Optical fibers are used to conduct light
from the sources to the tissue as well as to transfer the col-
lected light from tissue to detectors. Gradient index 62.5
um core diameter fibers are used as the source fibers, while
1.1 mm core diameter step-index fibers are used as the de-
tector fibers. The source and detector fibers are coupled to
the animal RF coil inside the magnet. For this purpose, an

CuSO4
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\ solution /
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Pressure Sensor
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Figure 4: Fiber probes were machined in a cylindrical form with a cen-
ter hole that contains the fiber. A computer controlled hydraulic actuators
pushes the probes radially and a pressure sensor is utilized for each sensor
to obtain the best contact quality.
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Figure 5: The computer controlled hydraulic system to activate the probes.
The system is based on a main piston that is driven by computer. Sixteen
solenoid valves are used to direct the hydraulic oil to any one of the actua-
tors to be able to move a particular probe.
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adaptive interface was constructed. It consists of 8-source
and 8-detector fiber probes with radially adjustable holders.
The RF coil is fixed in the center of the fiber interface and 16
holes are prepared for fiber probe entrances as seen in Figure
3. Fiber probes are machined in a cylindrical form with a
center hole that contains the fiber. Custom made glass fer-
rules are used to fix and polish the tips of the fibers with the
help of a polishing machine (Ultratec, Santa Ana, CA). Af-
ter polishing, each ferrule was positioned at the end of each
probe and glued. The center hole of the plastic probes is
filled with H20-CuSO4 solution to determine the location of
the source and detector fibers in the MR images, Figure 4. A
hydraulic system was implemented to move the probes radi-
ally, Figure 5. A computer controlled syringe pump was uti-
lized to push or pull the main piston. Due to strong magnet-
ic field, glass syringes were used as actuators for the optical
probes. A series of hydraulic valves directed the hydraulic
oil to a particular glass syringe. An electronic circuit board
was implemented to control the hydraulic valves hence, the
motion of the probes with computer. A separate sensor was
used for each probe to measure the pressure applied to the
tissue by the probe, Figure 4. The same circuit board also
converts the amount of pressure to an electrical signal that
is monitored by the computer. The pressure measurements
were used as feedback to determine the final probe position
and improve the probe-tissue contact.

Data Acquisition

The data is acquired simultaneously by both systems. Once
the sample placed at the center of the fiber optic interface, the
patient couch that holds the fiber interface is slid to position
the interface at the center of the magnet bore. The imaging
procedure includes three steps: (i) localization of the MRI
slice that coincides with the optical imaging plane and begin-
ning of DOT data acquisition; (ii) acquisition of T2-weighted
anatomic MRI image; and (iii) calibration procedure for opti-
cal instrumentation, as shown in Figure 6. At the first step,
the fast spin echo (FSE) sagital and coronal localizer pulse se-
quences are used to pinpoint the probes. At the same time, the
DOT data acquisition is started. Later, an axial slice is chosen
using the information obtained by the localizer sequences and

o0

= | =

@) 'g DOT data acquisition Calibration

A ls
‘B ——— >
g Positioning

— % Ty-weighted | Selection of | T,-weighted

x| FSE optical | the oblique [ FSE anatomic

p= & | |probe localizer slice image Time

Figure 6: The imaging procedure includes three steps: (i) localization of
the oblique MRI slice that coincides with the optical imaging plane and
beginning of DOT data acquisition; (ii) T2-weighted anatomic MRI acquisi-
tion; (iii) optical instrumentation calibration.
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tested for the coverage of all of the fiber probes in this 5 mm
slice. In the next step, T2-weighted images using a fast spin-
echo (FSE) sequence with TR/TE = 3000/15 ms, echo train =
8, field of view (FOV) = 10.5 cm, Image-Matrix = 256 x 256
and 5 mm in slice-thickness are acquired. After the DOT and
the MRI acquisitions are completed, the sample is replaced
with the homogeneous solid phantom and calibration mea-
surements for the optical imaging system are done.

Phantom Experiments

To test the performance of the system, multi-modality phan-
toms were constructed. Such a phantom must be constructed
using suitable materials that are compatible and measurable
by both modalities. To achieve this task, different circular,
irregular solid shells and irregular solid compartments with
circular holes simulating tissue optical properties were con-
structed by using the method described by Firbank et al. (66).
The empty spaces between the compartments as well as the
compartments themselves were filled with varying concen-
trations of Intralipid (%10, F. K. Clayton, Clayton, NC) and
Indian ink (Winsor&Newton, England) in water. In addition
to these, a 63 mm diameter solid homogeneous phantom was
constructed using the same method. The optical properties of
the homogeneous phantom were ua = 0.013 mm™ and us' =
0.85 mm! at 785 nm and used for calibration purposes.

The extinction coefficient of the Indian ink was determined
by spectrophotometer. For this purpose, different concentra-
tions of dye solutions were prepared and the absorption spec-
tra of the solutions were measured. During the preparation
of solid homogeneous phantoms, a cylindrical shell was also
made using the same dye, microsphere, and epoxy solution.
Hence, the optical properties of the solid shell were equal
to the homogeneous solid phantom and calculated by fit-
ting the homogeneous solid phantom data using the forward
solver. Later, different concentrations of intralipid and In-

Figure 7: The picture of the multi-modality phantom. Four regions are
indicated on the picture. (I) Shell; (II) Background; (III) Irregular shape;
and (IV) 7mm circular inclusion.
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Figure 8: (a) The MR image of the multi-modality phantom, (b) The FEM
mesh used for the reconstruction program. The elements that belong to
different regions are color coded. The four regions are also numerically
coded on the MR image and the FEM mesh: (I) Shell; (II) Background; (IIT)
Irregular shape; and (IV) 7mm circular inclusion.

dian ink solutions were prepared. DOT measurements were
acquired using the solid shell filled with these solutions. The
absorption and scattering coefficients were again calculated
by minimizing the difference between measured and esti-
mated data. The dimensions and the optical properties of the
solid shell were used as a priori information for the fitting
algorithm. After all, the extinction coefficient of the Indian
ink obtained by the spectrometer and DOT measurements
agreed very well and the scattering coefficient obtained by
DOT measurements were used as true values. The volumet-
ric scattering of Intralipid and absorption of Indian ink per
unit concentration were found to be 0.05 and 0.15 [mm™' ml/I
H,0] at 785 nm, respectively.

Figures 7 and 8(a) show the picture and the MR image of
a multi-modality phantom, respectively. The four regions
of the phantom are numerically coded in the Figures 7 and
8. These regions are the shell (I), the background (II), the
irregular solid inclusion (III), and the 7mm circular object
(IV). The absorption coefficient of the solid shell (I) and
the intalipid/dye solution (IT) were both set to 0.013 mm.
Then, a solid irregular inclusion (ua = 0.021 mm) was
placed in the phantom and fixed (III). The hole in this ir-
regular inclusion (IV) was also filled with intalipid/dye so-
lution and the absorption coefficient of this solution was
set to 0.034 mm'. The reduced scattering coefficient of
the shell and the intralipid/dye solutions were the same, us'
=0.85 mm'. The reduced scattering coefficient of the ir-
regular object was lower, us’ = 0.70 mm'. Later, a cap
was placed on top of the phantom and sealed. Before the
data acquisition, the phantom was placed in the fiber optic
interface and positioned at the center of the MR bore. The
data was acquired simultaneously with both MR and DOT
systems following the protocol described in Data Acquisi-
tion. At the final stage, the multi-compartmental phantom
was replaced with the solid homogeneous phantom and the
calibration data was acquired before removing the fiber op-
tic interface from the MR bore.

Gulsen et al.

Animal Experiments

A carcinogen ENU (N-ethyl-N-nitrosourea) induced breast
tumor model, which is known to induce benign tumors and
malignant tumors with different grades is used to assess the
performance of the combined system in vivo. As described
by Stoica et al. (67), intraperitoneal administration of ENU
to 30-day-old-female Sprague-Dawley rats results in a high
incidence of mammary tumors that simulates human breast
tumors. We have successfully established this model before
(68). There is a definite dose-effect relationship. The rat is
injected with 90 mg/kg ENU i.p. Based on this dose, 80% tu-
mor incidence is expected and 65% of the induced tumors to
be malignant. In general, the tumors show themselves three
months after the injection. The early tumors are more likely
to be malignant and the later tumors are likely to be benign.

The study was performed under an institutionally approved
protocol. The animal was anesthetized with an intraperito-
neal injection of 87mg/kg Ketamine and 13 mg/kg Xylazine,
and placed in the fiber-optic interface. The position of the
animal was adjusted to include tumor in the plane defined
by the 16 fiber optic probes. The data was collected using
785 nm source and the modulation frequency was set to 110
MHz. The power incident on the tissue was nearly 50 mW.

Calibration of the Optical Imaging System

Calibration is crucial due to the variation in characteristics
of each PMT, optical fiber, and neutral density filters. The
calibration procedure for our DOT system includes filter, de-
tector, and homogeneous phantom calibration steps and was
given in detail previously (65). The first calibration step is
done to find the optical density (OD) of each individual filter
at different positions. The filters are used to reduce the dy-

Source Fiber
Fiber Connector

Figure 9: A homogeneous phantom is used for calibration. A separate
source fiber is connectorized and a hole is precisely drilled at the center
of the top surface of the phantom. The size of the hole is adjusted to
snug fit the zirconium tip of the fiber connector. After the fiber connector
is placed in the hole, measurements at each detector site is recorded for
the homogeneous phantom calibration as described in Calibration of the
Optical Imaging System.
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namic range of the measured optical signals. The optical den-
sity of each filter is different and may vary from one position
to another. The recorded OD values for each filter at different
positions are used to calibrate the data obtained from a mea-
surement set. In the second calibration step, each detection
fiber is exposed to the same optical signal. For this purpose,
a separate source fiber is connectorized and a hole is precisely
drilled at the center of the top surface of the phantom. The
size of the hole is adjusted to snug fit the zirconium tip of
the fiber connector. After the fiber connector is placed in the
hole, measurements at each detector site is recorded (69-71).
Figure 9 shows the data acquisition scheme for the center
calibration measurements. The amplitude and the phase mea-
sured by each channel may differ although they receive the
same optical signal. These differences are recorded and used
to calibrate the detector channel outputs. As a final step, a
complete set of measurements from the homogeneous phan-
tom is acquired. This calibration step is performed to account
for the fiber differences in transmission and alignment and the
discretization errors due to data/model mismatch (69).

Image Reconstruction

Given the calibrated photon density measurements, the next
step is the calculation of the optical parameters inside the im-
aging region. In order to formulate the relation between the
desired optical parameters and measurements, the diffusion
equation in frequency domain is used (72, 73)

V- K(EWVOE ) + (7 )+2 DF ) = go(F ),
VreQ
(1]

where ®(7",m) is the photon density, (") is the absorption
coefficient, k(') = {3(u,(r) + ' (7))} is the diffusion coef-
ficient, w',(7") is the reduced scattering coefficient, ¢ = ¢,/n is
the speed of light, and # is the refractive index. The associ-
ated boundary condition is given as

D(E) + a, - 2k (E)AVD(E) =0, VEEIQ [2]
where a, is the outward normal to the boundary 9Q at €. Fi-
nite element method (FEM) is used for the solution of the
boundary value problem defined above. The inverse prob-
lem is solved by minimizing the difference between mea-
sured and calculated data as explained in (72, 73). The solu-
tion can be written as

A= (JT T+ MO I (G — o), [3]

where J is the Jacobian matrix whose elements are calculated
by the forward solver. ¢,, and ¢, are the measured and the
calculated data, respectively. We separate the complex val-
ued frequency domain solution into its magnitude and phase
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components, scale them to have similar order of magnitudes,
and use them simultaneously in the Jacobian matrix. For most
cases, the number of measurements is considerably less than
the number of unknowns, which is twice the number of ele-
ments in the finite element mesh, resulting in an underdeter-
mined system. Moreover, Jacobian matrix is ill conditioned.
Tikhonov regularization is a commonly used method to solve
such problems (74). In Equation [3], A7) is a region de-
pendent regularization parameter (75) that is generated using
the spatial a priori information from the MR image. Given
the MR image, first the outer boundary information, probe
locations, and boundaries of the interior region of interests
are selected. Then, this information is superimposed on a
finite element mesh and the elements corresponding to dif-
ferent regions are found. In this study, dual mesh approach is
adopted where a mesh with 1761 nodes and 3264 first order
triangular elements are used for forward calculations and a
coarser mesh with 289 nodes and 512 elements is used for the
Jacobian calculation. Finally, the resulting matrix equation
is solved iteratively using a conjugate gradient solver to find
the optical parameters. Note that homogeneous fitting is ap-
plied to the measured data at the beginning to determine the
initial values for the iterative process. The mismatch in the
refractive index due to the liquid inclusion in the solid phan-
tom has been modeled in the FEM forward solver.

For comparison, reconstruction is done for with and without us-
ing the a priori information obtained from the MRI. In the first
case, the sample is assumed to be homogeneous and a single
regularization parameter is used for the whole imaging area.
In the latter case, the imaging area is divided into sections us-
ing the MR image as explained in the previous part. Different
regularization parameters are assigned for each section such
that a lower regularization parameter is selected in a region of
interest compared to the background (75). First, a ratio is set
for each region and a single regularization parameter is found
using a minimization algorithm. The optimal regularization
value is selected as the one minimizing the difference,

miny 32, = 0 ()|

Where K is the total number of measurements, ¢. and ¢,, are
the calculated and measured fluences at the boundary, respec-
tively. During the optimization, the regularization parameter
is multiplied by these predetermined ratios before applied to
each region. The ratio that belongs to each section is deter-
mined by simulation studies for a particular case.

Results

For the phantom experiments the modulation frequency was
set to 110 MHz. Once the DOT data was calibrated using the
homogeneous phantom measurements, the reconstruction pro-
gram was used to generate the absorption and scattering maps

Technology in Cancer Research & Treatment, Volume 5, Number 4, August 2006
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The true, mean, and standard deviation of the recovered absorption and scattering values for
each region in the phantom. Regions #1, 2, 3, and 4 represent the shell, background (BG),

Table I

irregular object (I0), and the 7mm circular object (inclusion), respectively.

Gulsen et al.

with and without a priori data. The location
of the probes and the boundary of the irregular
inclusion were obtained from the MR image,

Figure 8(a). For the first case a single regular-

ization parameter was employed for the whole
imaging area. For the latter case, the bound-

ary of the internal structures found using the
MR image and the imaging area were divid-
ed into four sections: the shell (I), the back-
ground (II), the irregular inclusion (III), and

the small 7 mm circular inclusion (IV). The

background region was defined as the area be-
tween the solid shell and the irregular object
that was filled with the intralipid/dye solution.

Actual Without A Priori Info With A Priori Info
Region ua»l Mean»lp.a ST]?1 Error Mean»lu.a ST]?1 Error
(mm”) | (mm”’)  (mm") (%) (mm')  (mm’) (%)
1-shell 0.013 0.015 0.004 17% 0.015 0.003 17%
2-B.G. 0.013 0.015 0.004 17% 0.015 0.003 17%
3-10 0.021 0.024 0.005 15% 0.024 0.005 12%
4-inclusion 0.034 0.027 0.004 20% 0.030 0.007 11%
Actual Without A Priori Info With A Priori Info
Region us Mean us ST]? Error | Mean us ST]? Error
(mm) | (mm') (mm") (%) (mm')  (mm") (%)
1-shell 0.85 0.801 0.182 6% 0.785 0.124 8%
2-B.G. 0.85 0.801 0.182 6% 0.785 0.124 8%
3-10 0.70 0.726 0.221 4% 0.737 0.197 5%
4-inclusion 0.85 0.730 0.145 14% 0.719 0.295 15%

The solid structures, the shell and the irregular
inclusion, were not visible in the MR image.
The irregular object was surrounded by the

Absorption map (mm-)

Scattering Map (mm-1)

()

os (O

0.6

0.4

Figure 10: The reconstructed absorption and scattering coefficient maps
without (a) and with (b) MRI a priori information. The error for the 7 mm
small object was nearly 20% for the recovered absorption coefficient and re-
duced down to 11% with a priori information. For the irregular region, the
mean absorption coefficient was recovered with 15% and 12% error without
and with a priori information, respectively.

00 001 0.02 0.03 004 0.0 05 1.0 15

solution and its boundary could be extracted
easily from the MR image. Although the out-
er boundary of the solid shell was not visible in the MR image,
the knowledge of the inner boundary and the thickness enough
to calculate the boundary of the phantom. For this case, the el-
ements of the mesh that belong to each region were identified
and recorded. Figure 8(b) shows the fine mesh used to solve
the forward problem. The elements were color and numeri-
cally coded to present the selection of elements for each of
the four sections. Later, the regularization parameter for each
section was assigned as described in Image Reconstruction.
For this particular phantom the same regularization parameter
was assigned to the shell and the background regions. The
optimum ratios found by the simulations were 1.0, 1.0, 0.6,
and 0.3 for the shell (region #1), background (region #2), ir-
regular object (region #3), and 7mm circular object (region
#4), respectively. Once these ratios were chosen, a minimiza-
tion method was used to find the best lambda values for each
region to minimize the difference between the measurements
and the forward problem solution.

Figures 10(a) and 10(b) show the reconstructed absorption
and scattering maps without and with a priori MR infor-

Figure 11: (a) The MR anatomical image. (b) The FEM mesh
constructed based on the MR image. Numbers (1-8) on the mesh
indicates the source fiber locations and (I-VIII) are the detector
fiber locations. The areas corresponding to the tumor, the back
muscle, and the bladder are indicated as region #1, #2, and #4 on
FEM mesh. The muscle located on the left and right-hand sides
are indicated as region #3 and #5. (¢) The reconstructed absorp-
tion map. (d) The reconstructed scattering map. The size of the
tumor was approximately 1.5 cm and is indicated by the dashed
circle in the upper left side of the image. It is seen that, there
is nearly a two-fold increase in the absorption around the tumor.

20 mm'!
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mation, respectively. It is seen that the utilization of MR a
priori information improves the reconstruction results.Table
I summarizes the results giving the true, mean, and standard
deviation of the recovered absorption and scattering values
for each region with and without a priori information. As
seen from Figure 10(a), the error in the recovered mean ab-
sorption coefficient of the irregular and 7mm circular object
was 15% and 20%, respectively. However, the mean absorp-
tion value of the 7mm object were recovered better using the
MR a priori information. The recovered value for this small
object located in the irregular object increased from 0.027
mm! to 0.030 mm™ when the reconstruction algorithm was
guided by the MR structural information. Therefore, the er-
ror in the recovered mean value for this object was reduced
down to 11% based on the true value of 0.034 mm'. In addi-
tion to these, the FWHM of the small object measured from
the recovered absorption map was 10.5 mm and 11.5 mm
with and without MR a priori information, respectively. A
similar improvement was observed for the irregular object as
well. The mean absorption coefficient of the irregular object
was recovered with 12% error when the imaging volume was
divided into several sections and different regularization pa-
rameters were assigned to these sections.

Later, the performance of the system was assessed in vivo
using a rat bearing ENU tumor. Figure 11(a) shows the MR
anatomical image. The size of the tumor was approximately
1.5 cm and it is clearly seen in the upper left side of the im-
age. First, the boundary of the animal was extracted from
the MR image and used to generate FEM mesh. Later, the
probe positions were found with the help of the CuSO4 solu-
tions and co-registered with the FEM mesh. For the forward
solver, a fine mesh with 1649 nodes and 3072 triangular ele-
ments and for the inverse problem, a coarse mesh [Figure
11(b)] with 441 nodes and 768 elements was generated.
Numbers (1-8) on the mesh indicates the source fiber loca-
tions and (I-VIII) are the detector fiber locations. Figure
11(c) and 11(d) show the absorption and scattering maps
reconstructed using this mesh. The areas corresponding to
the tumor, the back muscle, and the bladder are indicated as
region #1, #2, and #4 on FEM mesh, Figure 11(b). More-

Table I1

The true, mean, and standard deviation of the recovered absorption and scattering
values for each region in the animal. The areas corresponding to the tumor, the
back muscle, and the bladder are indicated as region #1, #2, and #4, respectively,
while the muscle located on the left and right-hand sides are indicated as region
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over, the muscle located on the left and right-hand sides are
indicated as region #3 and #5. The true, mean, and standard
deviation of the recovered absorption and scattering values
for each region are given in the Table II. It is seen that there
is nearly a two-fold increase in the absorption around the
tumor. Scattering also increases in this area, however, the
increase mostly occurs on the inner boundary of the tumor.

Discussion

The implementation of a combined MR-DOT system has
been realized. Our prototype system uses a network analyz-
er, which is an expensive instrument. However, it could be
replaced by a heterodyne circuit board that converts rf modu-
lation frequencies into audio frequency range prior to record
with a low cost data acquisition system. The amplitude and
phase information could be calculated later during the post-
processing of the data. This data acquisition scheme would
reduce the cost of the system drastically. We have been al-
ready working on such a scheme and planning to implement
it for the next generation of our DOT system.

The performance of the system tested with phantom and in
vivo studies. Phantom experiments revealed the improve-
ment in the accuracy of the recovered optical parameters
with the use of a priori data as demonstrated in the litera-
ture (53-61). A complex phantom was designed to simulate a
more realistic case. A7 mm object was embedded in another
object whose boundary was irregular. This small object lo-
cated in an irregular inclusion can be recovered better if the
reconstruction algorithm is guided by the information about
the boundary of the internal structures obtained from MRI.
The error in the recovered mean absorption coefficient of the
7 mm object embedded in this irregular compartment was
reduced from 20% down to 11% with the structural a priori
information. Moreover, MRI information also improved the
recovered mean absorption value for the irregular object. We
believe one of the reasons of the low quality scattering image
is that there is no scattering contrast between the regions.
The scattering values of all compartments were very close to
each other. Due to this reason, fluctuations in the scattering
images were higher than the absorption images and no
improvement was observed in the recovered scattering
maps. The second reason could be the choice of the
materials used in the phantom reconstruction. We used
solid shell and irregular objects, and liquid intralipid-

#3 and #5. dye mixture for the background and the 7 mm circular
v (o) s (mm) object. The index of refraction mismatch at the inter-

Region # Max  Mean  Std Max  Mean  Std faces of these sections could lead to errors in the recov-

| -tumor 0044 0027 0005 2690 0838 0512 ered scattering coefficients as well. Please note the low
2-back muscle 0.034 0023 0004 2391 0.667 0369 errors in the recovered optical properties even without
3-muscle left 0.024 0016 0.004 1896 0.735 0.251 a priori information. These results also indicate that
4-bladder 0031 0021 0.003 1007 0405 0.243 a more complex phantom would enhance the effect of
5-muscle right 0.025 0.020 0.002 0.842 0.250 0.255 MRI a priori information. For example, Brooksby et
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al. used a 82 cm diameter phantom with two layers and 2.2
cm cylindrical inclusion placed in the inner layer (59). They
demonstrated that when a priori information is used, the rms
error in the absorption and scattering reduces down to 43%
and 55% for the inclusion, respectively. In our phantom
study, the error for the 7 mm small object was nearly 20%
for the recovered absorption coefficient and reduced down to
11% with a priori information. On the other hand, the error
in the scattering coefficient did not reduce. We are working
on gelatin phantoms to eliminate the effect of index of refrac-
tion mismatch and improve the reconstruction quality.

The feasibility of the system was also tested with an animal
study. The tumor region (#1) had the highest absorption. The
peak absorption in this region was 0.44 mm while the peak
absorption in regions #2, 3, and 5 were 0.34, 0.24 and 0.25
mm!, respectively. The tumor region also had high scattering,
mostly on the inner boundary of the tumor. In the rat, ENU
induces primarily infiltrating ductal carcinoma (IDC) breast
cancer (as in humans), and also primarily fibroadenoma (FA)
benign breast tumors (also as in humans) (67). ENU induced
rat breast IDCs also show a range of morphological changes,
from well-differentiated proliferations of tubules with mini-
mal stromal invasion to highly infiltrative, poorly differen-
tiated, and rapidly dividing tumors. Su et al. compared the
degrees of aggressiveness among the malignant tumors with
the MRI characteristics of different contrast agents (68). For
example, as in humans, the kinetics of Gd-DTPA in ENU in-
duced FAs have been reported to show a slower up-slope and a
slower decay rate than that in malignant tumors (76). Besides,
ENU induces FAs found to have a lower vascular volume and
a higher interstitial space volume than ENU induced IDCs.
In summary, these findings also supported that the properties
of ENU tumors are similar to the human breast tumors. In
the meantime, depending on the type and the aggressiveness
of the tumor, the vascular volume and the absorption of the
tumor would be different. In our previous MR-DOS studies,
the absorption and scattering coefficient of the R3230 AC ad-
enocarcinoma rat tumors were found around 0.013 mm and
2 mm! at 785 nm, respectively (63, 64). However, in those
studies the data was collected using a single source-detector
pair separated by 5.7 mm and an average value found for the
probed volume. The limited probing depth and the different
tumor type could account for the differences in the recovered
values for tumor with our DOT instrumentation. Moreover,
using source-detector separation of 9.45 mm, Pham et al. re-
ported absorption and scattering values of 0.0374 mm™ and
0.86 mm! for subcutaneous rat ovarian cancer tumor at 811
nm, respectively (77). These values are in good agreement
with the mean absorption and scattering values recovered for
the tumor in our study, 0.027 mm™! and 0.838 mm! (Table II).

The region #4 covered the internal organs such as the blad-
der and possibly intestines that are full of liquid that give

Gulsen et al.

higher signal in the T2 weighted anatomic image. The scat-
tering value for this region was expected to be low due to the
vast amount of water. Indeed, the mean scattering coefficient
for this region was found as 1.0 mm!, low compared to the
other regions. The only exception was the region #5 that
covers the muscle on the right hand side of the animal. It is
possible that the diffusion approximation fails for region #4
that covers the bladder and gives inaccurate result for this
region. There are a couple of reports about the effect of non-
scattering regions on diffusion-approximation-based image
reconstruction (78-80). Xu et al. demonstrated that the re-
covered absorption coefficient for non-scattering targets in
a scattering background is unphysically low, while the target
location, size, and the general shape of absorption images are
quantitatively accurate (80). They concluded that the diffu-
sion approximation model may still be used for reconstruct-
ing optical images involving small non- and low scattering
regions. The close proximity of region #5 to this region
combined with the sparse sampling, only single detector site
corresponding to region #5, might be the reason for the unex-
pected low scattering value recovered for this region.

These first in vivo results obtained from the hybrid imaging
system demonstrates the potential of this system for cancer
imaging in small animals. In the future studies, we are plan-
ning to implement RTE based FEM reconstruction algorithm
to eliminate the artifacts due to the low scattering regions as
demonstrated by Gassan et al. (81). In addition to this, we are
also planning to extend our approach to obtain chromophore
maps (11) and to use functional MRI information such as fat,
water, and blood vascular volume information to guide the
reconstruction algorithm better (68, 82). Such a combined
system can also be used to monitor the enhancement kinet-
ics of MRI and optical exogenous agents simultaneously to
enhance the information obtained content (83).
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