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Abstract. A method has been devised for generating three-
dimensional optical images of the breast using a 32-channel time-
resolved system and a liquid-coupled interface. The breast is placed in
a hemispherical cup surrounded by sources and detectors, and the
remaining space is filled with a fluid with tissue-like optical proper-
ties. This approach has three significant benefits. First, cups can ac-
commodate a large range of breast sizes, enabling the entire volume
of the breast to be sampled. Second, the coupling of the source and
detector optics at the surface is constant and independent of the sub-
ject, enabling intensity measurements to be employed in the image
reconstruction. Third, the external geometry of the reconstructed vol-
ume is known exactly. Images of isolated targets with contrasting ab-
sorbing and scattering properties have been acquired, and the perfor-
mance of the system has been evaluated in terms of the contrast,
spatial resolution, and localization accuracy. These parameters were
strongly dependent on the location of the targets within the imaged
volume. Preliminary images of a healthy human subject are also pre-
sented, which reveal subtle heterogeneity, particularly in the distribu-
tion of scatter. The ability to detect an absorbing target adjacent to the
breast is also demonstrated. © 2005 Society of Photo-Optical Instrumentation Engi-
neers. �DOI: 10.1117/1.2063327�
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1 Introduction
Breast cancer is the second leading cause of cancer deaths in
women. According to the World Health Organization, more
than 1 million women worldwide were diagnosed with breast
cancer in 2000.1 However, it has been shown that early detec-
tion and diagnosis of the disease significantly reduces the
mortality rate and also the need for more extensive surgery.2

The principal imaging modality used in breast imaging at
present is x-ray mammography which, while it has a high
sensitivity, suffers from a relatively poor specificity for some
tumors and breast types, leading to unnecessary biopsies.3

Thus there is a need for alternative imaging techniques that
can noninvasively distinguish between malignant and benign
lesions, particularly in the younger, denser breast. At present
both magnetic resonance imaging �MRI� and ultrasound are
used to provide additional diagnostic information for this pur-
pose. The disadvantages of MRI are that a contrast agent is
generally required, it is immobile, and it is expensive.4 Ultra-
sound, while relatively inexpensive and versatile, is depen-
dent on operator expertise and provides relatively poor dis-
tinction between certain solid breast masses.5

Optical tomography provides a distinction between tissues
based on their optical properties obtained from measurements
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of transmitted light.6 Of particular interest is the facility to
exploit the differences between the absorption spectra of oxy-
hemoglobin and deoxy-hemoglobin at near-infrared wave-
lengths to produce images of blood volume and oxygen
saturation.7,8 It is anticipated that this physiological informa-
tion can add to the anatomical information gained from x-ray
mammography to produce a better diagnosis.9,10

The use of optical radiation to image the breast is not a
new concept, and interest in the subject first became wide-
spread in the mid-1980s. This was stimulated by the emer-
gence of new source and detector technologies11 along with
substantial developments in computing technology, allowing
the use of sophisticated algorithms to reconstruct images rep-
resenting the optical properties contained within a three-
dimensional �3D� volume.12,13 Since then, many researchers
have built, and begun clinical evaluations of, breast imaging
systems that exploit one or both of these developments. Some
groups14–16 have developed optical tomography systems
which acquire measurements of transmitted intensity. Other
groups17–22 have followed a more technically complex ap-
proach using time and frequency domain systems to measure
the characteristic response of breast tissues to illumination by
pulsed and intensity modulated sources, respectively. Devel-
opment of these systems has been motivated in part by the
inability of intensity measurements alone to yield separate
images of internal absorbing and scattering properties of
1083-3668/2005/10�5�/054011/10/$22.00 © 2005 SPIE
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tissue,23 unless additional �e.g., spectral� information is avail-
able.

One of the inherent challenges of so-called optical mam-
mography is to develop means of coupling appropriate
sources and detectors to the breast. This problem is by no
means trivial and various mechanisms have been explored.
Some groups9,24,25 use a compressed breast geometry, where
one or more sources and detectors are scanned over both sur-
faces and a single projection image analogous to an x-ray
mammogram is generated. A specific disadvantage of a com-
pression technique is that prolonged compression can produce
significant discomfort.26 An alternative method is to surround
the breast with a rigid circular array of sources and detectors
and reconstruct either a cross-sectional slice or the whole
volume.27–29 At University College London �UCL� we ini-
tially evaluated an interface consisting of two rings of differ-
ent sizes, to which the sources and detectors were attached,
mounted on a frame.29,30 The breast was placed into which-
ever ring provided the better fit for that patient. However, this
approach also has its limitations: a rigid ring cannot conform
to the shape of the breast, and it is difficult to sample the
entire breast volume so that lesions �near the chest wall, for
example� are not missed. A further potential disadvantage of
all methods involving placing sources and detectors in direct
contact with the breast is that the coupling of light into and
out of the breast is usually highly variable, which reduces the
reproducibility with which intensity measurements can be
achieved.30 An approach which overcomes most of these
problems is that originally adopted by Colak et al.28 at Philips
Research Laboratories, who used a container filled with a
tissue-matching fluid. This has three significant benefits. First,
the container can be made of a sufficient size to accommodate
a large range of breast sizes and shapes, enabling the entire
3D volume of the breast to be sampled. Second, the coupling
of the source and detector optics at the surface is constant and
independent of the subject. And third, the external geometry
of the reconstructed volume is known exactly, so an accurate
model can be generated.

As described in the following section, optical tomography
at UCL is based on a 32-channel time-resolved system. We
have recently developed a liquid-coupled interface suitable
for breast imaging based on a hemispherical cup. The cup has
a diameter of 165 mm, which was estimated to be sufficiently
large for the majority of women undergoing x-ray mammog-
raphy at UCL. The cup volume is significantly larger than that
reconstructed for most previous optical tomography applica-
tions, and this is expected to have an impact on the ability to
detect small and/or low-contrast features. Therefore, before
beginning a program of clinical tests on a variety of human
volunteers and patients, we performed a thorough evaluation
of the overall imaging performance. Specifically, we deter-
mined the spatial resolution, contrast, and localization accu-
racy likely to be achieved with the system, and the results of
the study are presented here. The outcomes of this study will
enable the results of later clinical studies to be validated, and
will hopefully lead to improved methods of deriving quanti-

tative information.
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2 Method
2.1 The UCL Optical Tomography System
A 32-channel time resolved system for optical tomography
developed at UCL has been described in depth elsewhere.22 It
consists of a portable fiber laser �IMRA Inc., USA� that pro-
duces pulses �2 ps in duration at 780 nm and 815 nm, inter-
laced with an overall repetition rate of 80 MHz. These pulses
are transmitted through a 32-way optical switch that illumi-
nates each source fiber in sequence. Each source fiber is inte-
grated along the axis of a detector fiber bundle. Combining
the sources and detectors in this way reduces the number of
connection points on the tissue being imaged, and facilitates a
straightforward method of calibrating the temporal character-
istics of the system.31 The detector fiber bundles collect the
light that has traveled through the breast and transmit it to
four 8-anode microchannel-plate photomultiplier tubes �MCP-
PMTs�. The MCP-PMTs produce an electronic pulse for each
photon detected and are protected from over exposure by a
series of programmable variable optical attenuators.

The detector electronics consists of 32 parallel channels
which measure the times taken for photons to travel between
each source and detector relative to a reference pulse gener-
ated by the laser, and produce a series of time-of-flight histo-
grams known as temporal point spread functions �TPSFs�.
Datatypes such as integrated intensity, mean flight time, and
temporal variance are typically extracted from the measured
TPSFs. The use of such datatypes decreases the computational
time and memory requirements of the reconstruction algo-
rithm as compared to calculating the entire TPSF. Intensity
and meantime were used here as these have proved to be the
most robust and the most effective at separating scatter and
absorption.32

2.2 The Liquid-Coupling Interface
The coaxial source/detector bundles are attached to the exte-
rior of an opaque plastic hemispherical cup, 165 mm in diam-
eter with a thickness of 5 mm �EMA model supplies, Shep-
perton, UK�. Thirty-one bundles are distributed over the
surface of the cup as illustrated in Figs. 1�a� and 1�b�. The
bundles are spaced at regular intervals within three horizontal
planes, providing a reasonably even distribution across the
surface of the hemisphere. Holes were drilled in the opaque
cup, and optically scattering windows were attached to the
inner surface to form a watertight seal across each hole. Each
window was made from a mixture of epoxy resin and titanium
dioxide particles, providing highly scattering properties to
create a diffuse source.33 The fiber bundles are held in posi-
tion using short plastic tubes attached to the external surface
of the cup.

The remaining space between the breast and the cup is
filled with a suitable coupling liquid. In the study performed
with a similar device by the Philips group,28 the optical prop-
erties of the coupling fluid were selected to match the average
optical properties of the breast. This offers two obvious ad-
vantages. First, the reconstruction algorithm is not required to
iterate too far from a uniform initial guess corresponding to
those average optical properties, and is therefore more likely
to converge to a correct solution. Second, contrast in the re-
constructed images will be dominated by the features of in-

terest within the breast, instead of by the differences between
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the breast and fluid properties. A further consideration is that
the coupling fluid must be harmless to skin contact. For the
purposes of this preliminary investigation the cup was filled
with a solution of intralipid,34 dye, and distilled water with
properties of absorption coefficient �a
=0.0070±0.00035 mm−1 and reduced scattering coefficient

−1

Fig. 1 The hemispherical cup developed for breast imaging: �a� a pho-
tograph showing 31 fiber bundles attached; �b� the arrangement of
sources/detectors as seen from above; �c� a side view of the cup and
the vertical extension used for reference measurements.
�s�=0.80±0.04 mm . These values were chosen as being
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representative of the average properties of the breast35,36 and
are consistent with those used in previous breast phantom
studies at UCL.37 These properties also ensured that the signal
acquired for the largest source-detector separation �corre-
sponding to the full diameter of 165 mm� produced a mea-
sured photon count rate of around 50 to 100 photons per sec-
ond, sufficient to obtain useful datatypes for image
reconstruction.

Throughout this study a so-called difference imaging ap-
proach was performed. Difference imaging involves recon-
structing the changes in optical properties between the cup
containing both the coupling fluid and the breast, and those of
a suitable reference medium. The advantage of using differ-
ence imaging as opposed to absolute imaging is that system-
atic errors inherent in the measurement largely cancel. For
this application, difference imaging eliminates the effect of
uncertainty and variability in the surface coupling, allowing
use of intensity measurements. Disconnecting and reconnect-
ing the fiber bundles to the cup has shown that the coupling
can vary, and therefore absolute imaging would require the
coupling to be measured empirically for each scanning ses-
sion. The disadvantage of difference imaging is that errors
will occur if the reference medium is poorly matched to the
breast and its properties are not known exactly.32 The ideal
reference is a homogeneous medium with known optical
properties and external geometry, which are the same as the
object under investigation. Such a reference can be created for
this system by filling the cup with the coupling fluid described
above.

Initial experiments with the cup revealed that measure-
ments recorded with sources and detectors located near to the
top of the hemisphere are highly sensitive to the proximity of
the top surface of the liquid.38 Furthermore, to provide a rea-
sonable reference for patient studies �since detected photons
can travel into and out of the chest wall� it is necessary to
extend the height of the reference medium. Various alternative
methods of extending the height have been explored.38 The
two most successful are the addition of an extra volume of
coupling liquid, and the use of a solid cylindrical slab of
tissue-equivalent phantom material placed in contact with the
top surface of the liquid. The former was achieved by attach-
ing a cylindrical plastic extension, 50 mm in height, to the top
of the hemisphere as illustrated in Fig. 1�c�. The height of
liquid necessary to avoid significant loss of detected light
from the top surface was established empirically.38 The disad-
vantages of this method are that it requires several additional
minutes to attach and fill the plastic extension, and it is diffi-
cult to maintain a reusable watertight seal. The cylindrical
block was made from epoxy resin with a diameter of 200 mm
and a thickness of 65 mm. The optical properties of the block
are �a=0.007 mm−1 and �s�=2.0 mm−1. The scatter coeffi-
cient was chosen to represent the anticipated higher scattering
within the chest wall, such as due to bone. The cylindrical
block method is much easier to employ, although there is a
concern how a mismatch in refractive index between the resin
block �1.56� and the coupling fluid �1.33� may affect the
reconstruction.39

The repetition rate of the laser �two interlaced trains of
pulses at 40 MHz� dictates that the maximum temporal win-

dow for each TPSF is 12.5 ns. However, the large diameter of
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the cup and the optical properties of the coupling fluid cause
some photons for the largest source-detector separations to be
detected with flight times in excess of the window width. As a
consequence it is necessary to acquire data at the two wave-
lengths successively rather than simultaneously, enabling a
temporal window of 25 ns to be used. In the experiments
reported below, data were only acquired at a single wave-
length of 815 nm.

2.3 Perturbation Experiments
To quantify the spatial resolution, localization accuracy, and
contrast across the volume of the cup, two epoxy resin cylin-
drical targets with length and diameter of 10 mm were con-
structed. The optical properties of these are as follows. Target
A: �a=0.07 mm−1 �10�background �a� and �s�
=0.8 mm−1, and target S: �a=0.007 mm−1 and �s�
=8 mm−1 �10�background �s��, respectively. The targets
were each placed at 15 positions within one half-plane of the
fluid filled cup as illustrated in Fig. 2. These positions form a
grid of equilateral triangles.

Each target was suspended in turn on the end of a thin wire
supported by a frame mounted on vertical and horizontal
translation stages. The target was initially placed in the center
of the top ring of fiber bundles and was translated relative to
this point. Data were acquired for 11 min at each position
with an acquisition time of 10 s per source. Reference data
sets were acquired with the target removed at the end of each
row in Fig. 2, as well as prior to and following the experi-
ment.

2.4 Patient Interface
A patient-supporting table was built to enable the system to be
evaluated on volunteers. The cup is attached to a plastic ring
secured firmly into an aperture in the table as illustrated in
Fig. 3. A channel is cut into the ring, which allows coupling
fluid that overflows from the cup to return via plastic tubing to
the fluid reservoir. The cup is filled with fluid from below
using a peristaltic pump, which then circulates fluid continu-
ously and slowly to sustain a constant level of fluid. The ad-
dition of a heating element to the fluid reservoir will ulti-
mately enable the liquid to be maintained at a constant,
comfortable temperature. The table is covered with a layer of

Fig. 2 The positions of the targets within a half-plane of the cup.
foam, and a pillow and towels are provided.

Journal of Biomedical Optics 054011-
2.5 Preliminary Studies on Healthy Volunteers
Initial studies have been performed on several healthy volun-
teers. Prior to the investigation, the coupling fluid was pre-
pared at an ambient room temperature of 23°C. Data were
acquired on each of the volunteer’s breasts for a total scan
time of 11 min, or 10 s per source. To enable difference mea-
surements to be used in the reconstruction, two different ref-
erences were used and compared. One volunteer was also
scanned a second time with the high-absorbing target �de-
scribed above in Sec. 2.3� attached to the surface of her breast
with Micropore �3M� paper tape.

2.6 Image Reconstruction
Images were generated from the data using the TOAST recon-
struction package developed at UCL.40 TOAST employs the
finite element method �FEM� to model the propagation of
light through tissue using the diffusion approximation to the
radiative transfer equation. TOAST reconstructs 3D images of
scatter and absorption coefficients. Image reconstruction in-
volves iteratively adjusting the optical properties assigned to
the FEM mesh to optimize the match of the model to the data.

A 3D finite element mesh was constructed with a Delaunay
triangulation method to be used in reconstruction of the data
obtained using the hemispherical cup.41 The mesh, shown in
Fig. 4, was generated as a hemisphere with a 50-mm cylin-
drical extension to the top. The mesh consists of 23,156 tet-
rahedral elements with quadratic interpolation functions and

Fig. 3 A schematic of the breast imaging table and liquid-circulating
mechanism.
Fig. 4 The finite-element mesh used for image reconstruction.
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35,233 nodes. The mesh has a greater density at the positions
of the source detector bundles, where the rate of change of
light intensity is greater.

The image reconstruction was performed using a conjugate
gradient solver and Robin boundary conditions. In all cases,
the 15th iteration was analyzed as this was found to be the
number beyond which no further improvement to the images
was observed. Each iteration required 48 min on a 2.2 GHz
Xeon processor and used approximately 800 MB of RAM.

2.7 Analysis
The contrast, spatial resolution, and localization accuracy
were determined from images obtained for all the 15 positions
indicated in Fig. 2. The contrast C is calculated using:

C =
ymax − ybg

ybg
, �1�

where ymax was taken to be the mean of the top 5% of all
values in each 3D image and ybg was the mean background
value calculated from the remaining data in the image. In
other words, no prior knowledge of the position of the target
was employed in the calculation of contrast.

The localization accuracy was determined from the differ-
ences between the positions of the peak value within the im-
ages and the expected positions of the target. The position of
the peak value was obtained by taking the mean x, y, and z
values for the nodes in the mesh that correspond to values
above 95% of the maximum value. Any difference between
the expected positions and the true positions �due to error in
the initial positioning of the targets� was removed by subtract-
ing the mean expected values and the mean measured values
from the corresponding values of x, y, and z. Any difference
between the expected and measured values is then only due to
the reconstruction error we wish to quantify.

Each 3D image may be considered to represent the target
distribution convolved with a 3D point spread function �PSF�.
It is conventional to characterize spatial resolution in terms of
the width of the PSF. For the analysis presented here, how-
ever, we elect to characterize spatial resolution in terms of the
volume of the PSF. Since the volume of the images of the
targets are much greater than that of the targets themselves,
we make the approximation that the PSF volume is equal to
the volume of the reconstructed target. The “volume resolu-
tion” presented here has been calculated as the volume of the
mesh that encompasses all nodes associated with a value
greater than or equal to 50% of the maximum value in the
image. We call this parameter the full volume at half maxi-
mum �FVHM�.

The PSF is assumed to have a Gaussian profile. When the
volume occupied by the feature in the image becomes greater,
the peak value �and therefore the contrast� will be reduced.
Hence a decrease in spatial resolution will lead to a direct
decrease in contrast, which can be expressed as:

Vtht = Vihi, �2�

where Vt is the true volume of the target, Vi is the volume of
the feature in the image, and ht and hi are the values of
ymax−ybg for the target and the image, respectively. Thus,

assuming the background ybg of the image to be equal to the
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true background of the medium, we can express the apparent
contrast of the target by:

Ci = Ct
Vt

Vi
, �3�

where Ct is the true contrast of the target. Thus in principle,
we should be able to compensate for the reduction in contrast
due to the size of the PSF by multiplying the apparent contrast
by a factor equal to Vi /Vt. We can estimate Vi from the cal-
culated value of the FVHM by assuming it to be a 3D Gauss-
ian. The equation for a Gaussian is given by:

y�r� = he−r2/2�2
, �4�

where � is the standard deviation, h is the amplitude of the
Gaussian, and r is the distance from the center of the distri-
bution. The volume of the 3D Gaussian �Vg� can be obtained
from integration of Eq. �4�:

Vg = h��2���3. �5�

By defining a full width at half maximum f such that
y�f /2�=h /2 we obtain:

� =
f

�8 ln 2
. �6�

Substituting Eq. �6� into Eq. �5� then gives:

Vg = h� �

4 ln 2
�3/2

f3. �7�

However, our measured value of FVHM represents a sphere
of radius f /2, which implies that:

f3 =
6

�
FVHM . �8�

By combining Eqs. �7� and �8� we obtain:

Vg = h� �

4 ln 2
�3/2 6

�
FVHM � 2.3hFVHM . �9�

Thus Vi can be estimated from the FVHM by multiplying by
a factor of 2.3.

3 Results
3.1 Perturbation Experiments
Figure 5 shows typical images reconstructed from the data
acquired for the �a� absorbing and �b� scattering targets in
position 11 in Fig. 2. These images represent x-z and x-y
slices �see Fig. 1�c�	 through the 3D images, intersecting the
peak produced by the target. In each case the 15th iteration is
shown. Although the targets are displayed in the expected
location, we observe significant crosstalk between absorption
and scatter. The TOAST algorithm has interpreted the differ-
ence data for both types of target as a perturbation in both
parameters, although the largest perturbation is identified in

the correct parameter �see discussion in Sec. 4�.
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Plots of the variation in contrast, localization accuracy, and
FVHM �as defined in Sec. 2.7� with distance from the coor-
dinate origin �position O in Fig. 1�c�	 are shown in Figs. 6, 7,
and 8, respectively. A linear trend line was fitted to each set of
data using a least-squares regression. All three plots show
strong dependency on the position of the cylinder from the
edge of the cup. A plot of the adjusted contrast �ViCi /Vt�
against distance from the coordinate origin is shown in Fig. 9.
As discussed in Sec. 4 below, the values obtained are signifi-
cantly closer to the true contrast of 9, suggesting that such a
method could be useful for improving the quantitation accu-
racy of optical tomography.

3.2 Initial Images Using the System on a Healthy
Volunteer

The reconstructed absorption and scatter images of a
69-year-old healthy volunteer’s left breast are shown in Fig.
10�a�. In this case, the reference data was acquired using the
additional height of coupling fluid. Reassuringly, an image
acquired using the solid resin block on the top surface of the
cup �not shown� was almost identical, both qualitatively and
quantitatively, despite the refractive index mismatch for the
resin block. The absorption and scatter images both exhibit
reasonable contrast, although the scatter images generally
show greater heterogeneity. Meanwhile, Fig. 10�b� shows the
images of the same breast with the absorbing target attached
to the surface of the breast �near position 5 in Fig. 2�. The
vertical �x-z� and horizontal �x-y� slices in Fig. 10�b� corre-
spond to the planes through the apparent center of the absorb-
ing target, and the same planes are selected for Fig. 10�a�. The
contrast of the target �in both absorption and scatter images� is
entirely consistent with that shown for the isolated target in a
similar position in Fig. 5�a�. Allowing for some slight move-
ment of the breast between the two measurements, the appear-
ance of the breast in Fig. 10�b� is very similar to that shown in
Fig. 10�a�. The uncertainty in the nominal optical properties
of the coupling fluid is roughly 5%, so the boundary between
the breast and fluid is difficult to determine in terms of optical
properties alone. Nevertheless, the images suggest that while

Fig. 5 The reconstructed absorption �left� and scattering �right� images
of �a� absorbing target A placed at position 11, and �b� scattering target
S at position 11.
the breast is generally more absorbing than the fluid, the
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breast contains regions which are evidently less scattering
than the fluid. This may be indicative of regions of adipose
tissue, which is expected to be lower scattering than other
tissues and more dominant in the older, postmenopausal
breast.42

4 Discussion
The use of the coupling fluid in the manner described above
has enabled both intensity and meantime difference measure-
ments to be used to reconstruct 3D images for both absorption
and scatter. This represented a major advance upon our earlier
breast imaging studies at UCL where intensity was unavail-
able due to inconsistent coupling between the breast and the
fiber bundles.29,30 This technique also has the advantage that a
simple generic mesh can be used in the reconstruction, avoid-
ing the necessity to generate a patient-specific mesh for each
study.

The spatial resolution, presented here as a value of FVHM
�Fig. 8�, decreases from 60 to 6 cm3 for target A, and from
30 to 5 cm3 for target S, as they approach the edge of the cup.
Whereas, in an ideal imaging system, the FVHM would be
equal to the true volume of the target �0.8 cm3� and be inde-

Fig. 6 The contrast of �a� target A and �b� target S plotted against
distance from the center of the cup �using the 15th iteration�.
pendent of position, results show that the mean FVHM is
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substantially higher than the true volume, and the FVHM var-
ies by up to a factor of 10. Large source-detector separations
�up to 165 mm� result in an inherently lower spatial resolu-
tion due to their broad sensitivity functions. Information about
the center of the cup is derived only from measurements re-
corded with the largest source-detector separations, and con-
sequently the spatial resolution is lower toward the center of
the cup. The obvious impact of this on imaging the breast is
that superficial lesions will be easier to see than deeper ones.

The contrast across the cup for target A exhibits an upward
trend from 0.045, close to the center of the cup, to 0.27 at the
edge �Fig. 6�. A similar trend is seen for target S with a con-
trast range from 0.011 to 0.14. The true contrast, as defined by
Eq. �1�, of a target with optical properties of 10 times the
background properties would be 9, and of course is indepen-
dent of position. Overall we observe a much lower contrast
than the true contrast throughout the volume, although it gen-
erally improves as the target moves away from the center.
Underestimation of contrast is largely due to the partial vol-
ume effect caused by limited spatial resolution. In theory, we
can compensate for this effect by using a multiplication factor

Fig. 7 The localization accuracy for �a� target A and �b� target S plot-
ted against distance from the center of the cup �using the 15th
iteration�.
of �2.3FVHM /Vi� as described in Sec. 2.7. The results of this
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method of compensation are presented in Fig. 9, which shows
mean values of absorption and scatter contrast of 11.0 and
2.03, respectively. An inevitable cause of the discrepancy be-
tween the mean adjusted contrast values �11.0 and 2.3� and
the true contrast �9.0� is the crosstalk described earlier in Sec.
3.1. In general, we observe better separation between param-
eters for absorbing targets than for scattering targets, which is
consistent with the larger discrepancy in the adjusted contrast
observed for the scattering target. An analysis of the images in
Fig. 5, for example, reveals that the absorption contrast is
nearly three times higher than the scatter contrast for the ab-
sorbing target, while the absorption contrast is roughly equal
to the scatter contrast for the scattering target. Furthermore,
the graph in Fig. 9 illustrates that the adjusted contrast values
plotted against the distance from the center of the hemisphere
show no clear dependence on the target position. The assump-
tion that the profile of the PSF can be represented by a Gauss-
ian and the arbitrary selection of 50% threshold to define tar-
get image volume may also contribute toward a discrepancy

Fig. 8 The full volume at half maximum for �a� target A and �b� target
S plotted against distance from the center of the cup �using the 15th
iteration�.
between the true and adjusted values of contrast.
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The error in target localization, as illustrated in Fig. 7, has
surprisingly large mean values of 8.7 mm for target A and
11 mm for target S. This error is largely a consequence of the
automated method of determining the center of each target
image, where no prior knowledge of target position is em-
ployed. We note that the peak value in the image �determined
by calculating the centroid of the nodes in the mesh with the
top 5% of values� does not generally agree well with the
center of the feature identified by inspection. We also find that
adjusting the threshold for selecting the volume from which
the center position is calculated does not significantly reduce
the localization error. It is particularly interesting to note that
the localization error increases as the target moves away from
the center, even though spatial resolution improves. There are
two potential contributing factors. First, the region between a
given source and detector to which the measurements are sen-
sitive �the banana-shaped “photon measurement density func-
tion” or PMDF43� has a cross-section which changes fastest
nearest the source and detector. This will inevitably produce
an asymmetry in the reconstructed target image. Second, the

Fig. 9 Values of contrast following compensation for the partial vol-
ume effect for �a� target A and �b� target S plotted against distance
from the center of the cup. The dashed lines represent the true con-
trast value.
external region of the hemisphere is more sparsely sampled,
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and consequently there is likely to be a tendency for the re-
constructed targets to be displaced away from their true posi-
tions toward the center of the nearest PMDF.

The scatter of values from the linear trends observed in
Figs. 6–8 is almost certainly due to the fact that they are
plotted against distance from the center of the cup, whereas
the values are also influenced by the distances of the targets
from individual sources and detectors, sparsely distributed on
the surface of the hemisphere. In other words, these param-
eters are not simply dependent on target depth within the
hemisphere, but are actually position-dependent. Although
measurements using most of the 31 fiber bundles contribute
toward each image, data from the few that are nearest to the
target are likely to influence the contrast and spatial resolution
most strongly. Unfortunately the distance between a target and
the several nearest �and therefore most influential� sources
and detectors is not a straightforward quantifiable parameter,
and consequently we chose to plot data as a function of dis-
tance from the center. In principle, a contrast compensation
method could be developed for improving the quantitative
accuracy of breast images. However, the method would need
to compensate for the effect of convolution between the true
distributions of optical properties and the corresponding PSF,
which we have shown to be highly position-dependent.

Initial in vivo images using this system, shown in Fig. 10,
exhibit areas of contrast corresponding to the size and loca-
tion of the breast. This shows that the inevitable differences
between the properties of the coupling solution and the breast
can be reconstructed. The area corresponding to the breast
itself exhibits a subtle heterogeneity consistent with previous
optical tomography studies of healthy volunteers generated
using a different patient interface.30 In terms of patient accep-
tance, we noted that volunteers were very comfortable
throughout an 11-min scan, and positioning of the breast
within the interface was achieved with more ease than the 2D
system employed previously.30

Work is currently in progress to investigate several specific
ways of improving the performance of the liquid-coupled sys-

Fig. 10 The reconstructed absorption �left� and scattering �right� im-
ages of �a� a healthy 69-year-old volunteer, and �b� the same volun-
teer with an absorbing target attached to the surface of her breast. The
arrows indicate the height of the corresponding circular
cross-sections.
tem for breast imaging. First, we are producing a range of cup
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sizes to ensure optimum sampling of the breast volume using
a maximum of 32 source and detector positions. Second, we
are investigating the optimum optical properties of the match-
ing fluid. Although matching the properties of the fluid to the
mean properties of the breast has certain advantages �outlined
in Sec. 2.2�, a fluid with a lower attenuation will allow more
light to be detected and so may lead to improved image qual-
ity. Third, the effect of a change in tissue temperature is being
assessed. Slight cooling or heating of the breast by the cou-
pling fluid could lead to blood volume changes during a scan,
resulting in image artifacts, although maintaining the fluid at a
constant body temperature should prevent this. However, we
note that by purposely changing the temperature of the liquid
between scans it may be possible to highlight the distribution
of blood within the breast �at least near the surface�. Finally,
our current work is also focused on the utilization of prior
information to improve the overall imaging performance. For
example, we are investigating whether a measurement of the
volume of liquid displaced from the cup by the breast can be
employed to constrain the location of the breast boundary
�and therefore of the region occupied by the coupling fluid� in
the image reconstruction.

In summary, an initial evaluation of a fluid-filled interface
for optical tomography of the breast has revealed several ma-
jor benefits in terms of the ease with which fiber bundles may
be coupled to the breast, the availability of intensity data for
image reconstruction, the ability to know and model the
boundary of the reconstructed volume, and the patient accept-
ability. We have shown that the contrast and spatial resolution
achieved by the technique will be strongly dependent on both
the reconstructed parameter and the depth of the tissue. Over-
all, however, initial results further support the view that the
spatial resolution and contrast achievable with optical tomog-
raphy is unlikely to be sufficient to distinguish diseased from
healthy tissues based on morphology alone. Detailed analysis
of the spectroscopic content of optical signals are clearly es-
sential in order to obtain the degree of specification required
of a clinical diagnostic technique.27,44
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