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In a proof-of-concept experiment, we optically tagged objects embedded in an inhomogeneous and multiplescattering medium and measured the difference between the transmitted diffuse photons at two optical wavelengths, one at and the other off a sharp absorption peak of the exogenous contrast agent. We demonstrated
that the visibility of tagged objects was significantly enhanced in comparison with that of untagged objects.
From our analysis it seems possible to use dual-wavelength differential transmittance spectrometry together
with monoclonal-antibody-delivered optical contrast agents to detect tumors as small as 0.1–0.3 cm in size and
embedded as deeply as a few centimeters beneath a tissue surface. © 1997 Optical Society of America.
[S0740-3232(97)01301-X]

1. INTRODUCTION
In recent years the propagation and distribution of diffuse
photons in highly scattering media have attracted considerable attention in the field of medical imaging.1–19 This
interest is motivated by the fact that near-infrared electromagnetic waves from 730 to 900 nm are strongly scattered and yet only weakly absorbed in human tissues
such as skin and breast.7 Since light is multiply scattered, its propagation characteristics can be described by
a diffusion approximation.20,21 The latter is perturbed by
inhomogeneities with differing optical properties, such as
tumor growths in an otherwise normal tissue. By measuring the transmitted or the reflected diffuse photons,
one may deduce information about the locations and sizes
of these inhomogeneities with sufficient certainty. Even
though the extraction of imaging information from diffuse
light is complicated and less straightforward in comparison with the x-ray-attenuation-based imaging techniques,
the research efforts of many groups have continued to be
fueled by the possibility that the near-infrared optical imaging technique in some form may eventually become a
noninvasive alternative to x-ray mammography for early
detection of cancerous growths.1–19,22,23
In the past decade diffuse photon spectrometry in the
form of transillumination light-scanning spectroscopy has
been explored and tested in the field of medical
imaging.1–6 By detecting the transmittance of diffuse
light at red and near-infrared wavelengths with an eightbit video imaging camera, one obtains either a differential
transmittance or a relative transmittance. The identification of cancerous growth was based on empirical observations that malignant tumors, accompanied by higher
densities of blood vessels, cause either an enhanced regional or a total absorption in one breast while not in the
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other, or they cause a relative enhanced absorption of the
near-infrared light. In a series of clinical tests in the
1980’s, however, the transillumination light-scanning
technique was shown to be inferior to x-ray mammography because of its lack of specificity and its inadequate
sensitivity to nonpalpable tumors of sizes less than 1 cm
and to even larger tumors that are embedded a few centimeters beneath the skin surface.3–5 It is recognized
that with improved understanding of light propagation in
highly scattering media and the advancement of the detection and biotechnology, one should be able to improve
the sensitivity, specificity, and spatial resolution of lightscan transillumination.6 At the present time, diffuse
photon or transillumination imaging for cancer detection
remains experimental.
Significant progress has been made recently as a
result of strong research efforts in both condensed matter
physics and medical imaging communities to better understand light propagation in multiple-scattering
media.6,7,11–19,20 For example, it is well known now that
modulating the amplitude of an illuminating light source
causes the alternating portion of the diffuse photon density to behave much like a damped wave that interferes
and diffracts.11–14 By exploiting the interference effect,
many groups have been able to improve the spatial resolution of diffuse photon imaging to a fraction of a
millimeter.11–14,17 The high accuracy in locating objects
in multiple-scattering media has benefited from a more
quantitative understanding of diffuse photon propagation.15–19 It is also recognized that the use of optical
contrast agents in transillumination imaging improves
the sensitivity.1,12 The same concept has already been
used in magnetic resonance imaging. In the studies performed so far, optical contrast agents were explored
© 1997 Optical Society of America
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mainly as a means to enhance the overall absorption of an
optically tagged tissue in the near-infrared region from
730 to 900 nm. On the technology side, it has recently
become feasible to deliver large enough amounts of contrast agents with monoclonal antibodies to specific
tumors.24 However, one crucial question remains as to
whether diffuse photon imaging with the current use of
optical contrast agents would have a sufficient specificity
in detecting tumors in a human breast, where there exist
normal inhomogeneities such as macro cysts. This is the
subject of this paper.
We intend to show another aspect of optical contrast
agents that can be exploited in diffuse photon imaging to
dramatically enhance the visibility of a tumor in the presence of other lumpy structures that are present even in a
normal human breast. Our approach is to exploit the
sharpness of the absorption peak of an optical contrast
agent, not just the enhanced optical absorption. This
form of dual-wavelength differential measurement enables us to distinguish with significantly improved contrast optically tagged objects from untagged lumpy structures. As far as we know, this aspect has not been
explored by others. To prove the concept, we conduct a
continuous-wave or d.c. transillumination imaging experiment in which we selectively tag objects embedded in
a tissue phantom with an optical contrast agent. We
then measure the difference in the transmittance at two
optical wavelengths, one at an absorption maximum of
the agent and the other off the maximum on the steep
side of the absorption peak. We find that the visibility of
the tagged objects is significantly enhanced in comparison
with that of the untagged objects. Our preliminary results further show that by using 16-bit rather than 8-bit
CCD detectors, we can improve the sensitivity of tumor
detection such that it seems feasible to detect optically
tagged tumors as small as 0.1–0.3 cm in size and embedded as deep as a few centimeters beneath the skin surface
of human tissue.

2. SAMPLE PREPARATION AND
EXPERIMENTAL PROCEDURES
A sketch of the experimental setup is shown in Fig. 1.
We use suspended TiO2 powder (supplied by Sigma Coatings) in glycerin at a concentration of 0.7% by volume and
an Intralipid emulsion at a concentration of 20% by
weight (from Kabi Pharmacia, Clayton, N.C.) as tissue
phantoms. They are contained in a 5-mm 3 50-mm
3 50-mm glass cell. For objects or inhomogeneities, we
use glass capillary tubes and 0.3-mm Pentel carbon filament. The capillary tubes have inner diameter (i.d.) of
0.3 mm and outer diameter (o.d.) of 1.2 mm and can be
filled with optical contrast agents. For the latter, we use
solutions of dichlorotriazinylaminofluorescein (DTAF) in
dimethyl sulfoxide (DMSO) (from Calbiochem, La Jolla,
Calif., l max 5 492 nm, e max 5 82 cm21 mM21 , M.W.
5 531.7). From the measurements of Blakeslee and
Baines, we know that the extinction coefficient e at 488.0
nm is close to 80% of the maximum, drops to 20% of the
maximum at 514.5 nm, and is essentially zero at 632.8
nm.25 We thus choose two of the emission lines of an
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Argon-ion laser, one at 488.0 nm and the other at 514.5
nm, and a He–Ne laser at 632.8 nm as illuminating light
sources. We measured the light-scattering mean free
paths in the two tissue phantoms using the same method
as described in Ref. 26. In the TiO2 suspension, the values at all three wavelengths are essentially the same, l sc
5 15.0 mm 6 0.3 mm. In the Intralipid emulsion, the
scattering mean free paths are more dispersive, with l sc
5 8.60 6 0.02 mm at 488.0 nm, l sc 5 9.77 6 0.02 mm at
514.5 nm, and l sc 5 16.15 6 0.06 mm at 632.8 nm. Our
measurement compares well with that of van Staveren
and co-workers; in particular, our result reproduces the
wavelength dependence of l sc } l 2.4 reported by these
authors.27 The optical path length of the cell (L 5 5
mm) thus covers 300–500 scattering mean free paths.
We expand the laser beam with a combination of lenses
such that one of the 50-mm 3 50-mm cell surfaces is uniformly illuminated. We measure the near-field distribution of the transmitted light from the opposite surface.
This is done by imaging an area of 46 mm 3 46 mm on
the opposite (back) surface at a 4-to-1 reduction ratio onto
the detection surface of either a CCD camera or a scanning photodiode. The solid angle of collection is 3
3 1023 steradians, so we can neglect the influence of the
glass–air interface on the intensity distribution. The
CCD camera is a 16-bit TK512CB/AR (Photometrics, Tucson, Ariz.). The photodiode is a EG&G FND100 (EG&G
Photon Devices, Sunnyvale, Calif.). With the photodiode
we modulate the amplitude of the illuminating light
sources at a low frequency of 1000 Hz and detect the a.c.
component of the photocurrent with a lock-in amplifier.
With the CCD camera, we use the unmodulated illuminating sources and detect the total photon counts. We
typically accumulate 5 3 105 photon counts in each pixel.
In all the measurements we first record the near-field
distribution of the transmitted diffuse photons with only
the tissue phantom; we then insert objects into the cell
and repeat the measurement again. We take the ratio of
the two data sets as the normalized transmittance.
When the CCD detector is used, we also take care to subtract the dark counts accumulated over the same exposure time period from the two data sets before taking the
ratio.

Fig. 1. Sketch of the experimental setup for measurements of
the near-field transmittance of diffuse photons through a cell
containing a multiple-scattering medium. M’s reflection mirrors. The open circle represents the top view of an empty capillary tube, and the filled circle represents a solution-filled capillary tube. They are used as untagged and tagged objects,
respectively, for imaging. The sample cell contains a homogeneous multiple-scattering medium as the tissue phantom.
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3. EXPERIMENTAL RESULTS
To demonstrate the sharp wavelength dependence of the
near-field transmittance as a result of optical tagging of
an embedded object, we use a capillary tube filled with a
DTAF solution at a concentration of 7.6 3 1022 molar
(M). The tube is placed (along the y axis) in the middle of
the cell, parallel to both the front (the illuminated) and
the back surface. In this measurement the TiO2 suspension (in glycerin) is used as the tissue phantom, and the
photodiode is used to scan horizontally across the image
plane (along the x axis). Hence the object is at a position
160 scattering mean paths from both surfaces of the tissue phantom. The measurement is performed at each of
the three optical wavelengths; the results are displayed in
Fig. 2. The near-field transmittance dips at the lateral
position (the x coordinate) where the tube is placed. This
feature reproduces the observation made by den Ouder
and co-workers.17 The most important feature here is
the sharp wavelength dependence. The magnitude of the
dip decreases as the wavelength increases from 488.0 to
632.8 nm. In fact, at l 5 632.8 nm, where DTAF is no
longer absorbant, the dip disappears and the near-field
transmittance bears a weak feature that is typical of a
nonabsorbing object in a highly scattering medium.17
The difference between any two of the three curves in
Fig. 2 may serve as an example of the enhancement of the
object visibility in a dual-wavelength differential transmittance. To demonstrate this aspect more directly, we
show in Fig. 3 the near-field transmittance at 514.5 and
488.0 nm with three objects in the cell. One object is an
empty capillary tube. The second one is a capillary tube
that contains the DTAF solution (7.6 3 1022 M). The
third object is a 0.3-mm-diameter Pentel carbon filament
as a perfect absorber. Also shown in Fig. 3 is the difference between the transmittance at 514.5 nm and the one
at 488.0 nm, which we call the differential transmittance.
The visibility of the tube containing DTAF is clearly enhanced as the visibility of the spectrally flat empty tube
and carbon filament are suppressed in the differential
transmittance. The signal-to-noise ratios displayed in
Figs. 2 and 3 are limited by the total data acquisition
time. The latter is limited to a few minutes by the downward drift of TiO2 powder toward the cell bottom. Over
the few minutes’ time, we had to perform measurements
at 200 sampling positions.
To show that the signal-to-noise ratio can be improved
with a stable tissue phantom and to assess properly the
sensitivity of the dual-wavelength differential transmittance to small objects, we performed a series of measurements with the Intralipid emulsion as the tissue
phantom.27 The latter is stable in the air for tens of
hours. Furthermore, we use a 16-bit CCD camera (Photometrics TK512CB/AR) as a photodetector so that we can
simultaneously record the near-field transmittance at all
sampling positions on the image plane. Assuming that
the noise is limited by the photon statistics, this enables
us to achieve the highest signal-to-noise ratio for a fixed
data acquisition time. In the results shown below, we accumulate roughly 5 3 105 photon counts in each pixel before normalization. In Figs. 4(a) and 4(b) we display the
near-field transmittance over an area 3.2 3 1.3 mm on
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the back surface of the cell. We have as objects an empty
capillary tube and a tube filled with a DTAF solution at
3.8 3 1022 M. These objects are roughly in the middle of
the tissue phantom. In Fig. 4(c) we display the differential transmittance. We note again that the visibility of
the tube with the DTAF solution is preferentially enhanced. Furthermore, the signal-to-noise ratio is also
greatly improved. In fact, the peak-to-peak noise is
roughly 0.2–0.3% in the differential transmittance, which
is predominantly statistical, associated with 5 3 105 photon counts per pixel. The residual signal from the empty
tube is the result of the difference in the scattering mean
free paths at 514.5 and 488.0 nm.

Fig. 2. Normalized near-field transmittance of diffuse photons
at three wavelengths. The sample cell is filled with a TiO2 suspension (in glycerin) at a volume concentration of 0.7%. In the
middle of the cell is a 0.3-mm-i.d. capillary tube filled with a
DTAF solution (in DMSO) at a concentration of 7.6 3 1022 M.

Fig. 3. Normalized near-field transmittance at 514 and 488 nm.
The sample cell is filled with a TiO2 suspension (in glycerin) at a
volume concentration of 0.7%. In the middle are an empty 0.3mm-i.d. capillary tube, a 0.3-mm capillary tube filled with a
DTAF solution (in DMSO) at 7.6 3 1022 M, and a 0.3-mmdiameter Pentel carbon filament. Also displayed is the difference between the transmittance at 514 nm and the one at
488 nm.
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To quantify the sensitivity of the differential transmittance to a minute amount of optical contrast agents localized in a tissue phantom, we use a capillary tube that
holds a small segment of DTAF solution. The dimension
of the segment is 0.5 mm in length and 0.3 mm in diameter. At the concentration of 3.8 3 1022 M the segment
contains 1.3 3 1029 moles of DTAF. The tube is placed
in the middle of the cell or 250 scattering mean free paths
from both the front and the back surfaces of the tissue
phantom. In Fig. 5 we display a line scan of the differential transmittance along the axis of the segment. The
peak of the differential transmittance is 0.013, or 1.3% of
the total normalized transmittance. For a small solution
segment the spatial distribution of the differential transmittance far from the segment is independent of the segment shape, so the peak change measures the total
amount of the contrast agents. The noise of 0.3% is
again limited predominantly by photon statistics.

4. DISCUSSION

Fig. 4. (a) Normalized near-field transmittance at 514 nm over
an area 3.2 mm 3 1.3 mm on the exit surface. The sample cell
is filled with a 20% Intralipid emulsion (see text). It also contains two capillary tubes. On the far left is the feature caused
by the tube filled with a DTAF solution (in DMSO) at 3.8
3 1022 M; on the right is the feature caused by the empty
tube. (b) Normalized near-field transmittance at 488 nm over
the same area under the same condition. (c) The difference between the transmittance at 514 nm and the one at 488 nm. The
visibility of the tube with the DTAF solution is clearly enhanced
in the differential transmittance.

Fig. 5. Near-field differential transmittance between the transmittance at 514 nm and that at 488 nm. The sample cell is filled
with a 20% Intralipid emulsion. In the middle of the cell is a
0.3-mm-i.d. capillary tube containing a 0.5-mm-long segment of
DTAF solution (in DMSO) at 3.8 3 1022 M.

From the experimental results presented in Section 3, it
is clear that using optical contrast agents in a dualwavelength differential transmittance measurement with
the two wavelengths near a sharp absorption peak of the
agent dramatically improves the visibility of the optically
tagged objects. We emphasize here that simply tagging
the objects of interest without exploiting the sharp absorption feature of the contrast agent is not sufficient for
identifying the tagged objects in the presence of other untagged and yet more massive inhomogeneities. Consequently, our approach clearly enhances the specificity of
transillumination imaging, provided that the optical contrast agents can be delivered with specificity through, for
example, monoclonal antibodies. Such monoclonal antibodies in fact exist and have been used to deliver contrast
agents suitable for magnetic resonance imaging of breast
cancer.28
It is also clear that the use of a 16-bit CCD camera improves the signal-to-noise ratio and in turn the sensitivity
of transillumination imaging when the noise is limited by
photon statistics (as is the case in our investigation).
The improvement of the sensitivity with the use of a 16bit CCD camera over that with an 8-bit CCD camera can
be understood as follows. For scientific CCD cameras the
achievable detection limit is limited by the readout noise,
which is typically one analog-to-digital conversion unit.
For a 16-bit camera this corresponds to one part in
65,000, or 0.0015%. For an 8-bit camera it is one part in
256, or 0.4%. If we require a detection signal-to-noise
ratio of 4, the minimum detectable differential transmittance will be 1.6% for an 8-bit camera and 0.006% for
a 16-bit camera. Therefore by using 16-bit or even 18bit cameras as photodetectors, we should be able to
improve the sensitivity of transillumination imaging by
two to three orders of magnitude from what was achievable in the previous transillumination light-scanning
studies.1–5,29,30
There remain a number of practical issues that should
be addressed if the present improvement is to lead to a
viable optical method for early detection of small cancerous growths in human breasts. The first is whether the
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absolute sensitivity of the present differential transmittance technique is adequate under realistic conditions of
tissues and deliverable concentrations of optical contrast
agents. Since the noise in our measurement is limited by
photon statistics, it can be reduced further by a factor of
50 by simply increasing the photon counts. In that case
we should be able to detect 25 picomoles of DTAF (with
the same signal-to-noise ratio of 4) on a tagged object at a
distance of 250 scattering mean free paths from a tissue
surface. Since the average thickness of a compressed human breast is 4.2 cm and the scattering mean free path in
the near-infrared transparency window of a human
breast is 0.06 cm,7 the middle of a compressed human
breast is only 35 scattering mean free paths from the skin
surface. This means that we should be able to detect a
tumor in the middle of a human breast carrying only 4 picomoles of optical contrast agents such as DTAF.15,17
Moreover, the detection limit can be further reduced to
less than 2 picomoles if indocyanine green (ICG) (l max
5 805 nm, e max 5 200 cm21 mM21, M.W. 5 770) is
used as a contrast agent. ICG is 2.5 times as absorptive
in the near-infrared as DTAF in the visible range.7 For a
tumor 0.1 cm in diameter, this translates to a concentration of 1–2 nanomoles or 2–3 mg of indocyanine green per
gram of tumor, or 2 3 1023 mM. At this level of optical
tagging, the absorption coefficient of the tagged tumor at
l max 5 805 nm is m a 5 0.4 cm21 , which is ten times as
large as the averaged absorption coefficient of a normal
human breast. Such a concentration is far below the safe
level of 50 mg per gram of tumor approved by the U.S.
Food and Drug Administration. The question then becomes whether such a concentration of indocyanine green
can be delivered to a designated tumor. In nuclear medicine, monoclonal antibodies are often used to deliver radioactive labeling or heavy elements to specific tissues
such as malignant tumors for radioimmunodiagnosis or
radioimmunotherapy. It is common that a concentration
of 50 picomoles or more of antibodies per gram of tumor is
delivered. Usually, 10–20 radioactive labelings can be
carried by one antibody with current signal amplification
schemes.31 Consequently, it should be fairly easy to deliver 0.5–2 nanomoles of optical contrast agent such as indocyanine green. This is already adequate for our proposed goal to detect 0.1 cm tagged tumor with a photon
statistics-limited signal-to-noise ratio better than 4. Recently Kassis and co-workers have demonstrated that the
number of labelings per monoclonal antibody can be enhanced even further.24 If the targeted-signal augmentation reaches 200–500, we expect to be able to deliver a
dosage of 10–25 nanomoles of indocyanine green per
gram of tumor.32 At such a dosage level we should be
able to detect tumors 0.1 cm in size and embedded a few
centimeters beneath the skin surface with a signal-tonoise ratio much better than 4.
In the present study, we use the empty glass tube and
the Pentel filament to simulate inhomogeneities that are
not tagged by optical contrast agents. In reality, the inhomogeneous structures, including blood vessels that already exist in a normal human breast, do not have as flat
an optical response as our phantom objects. In addition,
the absorption of a normal tissue should also vary to some
degree with the optical wavelength within the near-
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infrared window.7 It is possible to find a region in the
near-infrared spectral window where the absorption of
the tissue varies little with the wavelength. The dualwavelength transmittance is preferably carried out in this
region. We need more spectroscopic information to further quantify and model the residual contributions from
the normally present lumpy structures in a breast. Empirically, the differential transmittance from these structures can be measured in the absence of optical contrast
agents. Once their contributions are characterized, they
can be subtracted from the transmittance obtained after
the optical contrast agents are delivered. The effectiveness of such an empirical approach remains to be further
explored and optimized.

5. CONCLUSION
We reiterate that the dual-wavelength differential transmittance measurement of multiply scattered light makes
possible the detection of optically tagged objects with significantly enhanced visibility. Our analysis further demonstrates the feasibility of detecting tumors as small as
0.1 cm in diameter and embedded as deeply as a few centimeters beneath a tissue surface. Although many technical issues remain to be worked out, such an effort seems
very worthwhile. Considering that the early d.c. transillumination light-scanning technique already has had reasonable success in detecting breast cancers larger than 1
cm in diameter, it is more than simply optimistic to believe that with the currently prescribed object visibility
enhancement in combination with the use of highresolution CCD detectors and the interference effect of
diffuse photon density waves (a.c. transillumination), one
should be able to detect deeply embedded tumors with diameters far less than 1 cm with adequate sensitivity, spatial resolution, and specificity.
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