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Three-dimensional diffuse optical tomograptiyOT) of breast requires large data sets for even
modest resolutiorfl cm). We present a hybrid DOT system that combines a limited number of
frequency domaiiFD) measurements with a large set of continuous Wewgmeasurements. The

FD measurements are used to quantitatively determine tissue averaged absorption and scattering
coefficients. The larger cw data setsY hasurementsiollected with a lens coupled CCD, permit

3D DOT reconstructions of a 1-liter tissue volume. To address the computational complexity of
large data sets and 3D volumes we employ finite difference based reconstructions computed in
parallel. Tissue phantom measurements evaluate imaging performance. The tests include the fol-
lowing: point spread function measures of resolution, characterization of the size and contrast of
single objects, field of view measurements and spectral characterization of constituent concentra-
tions. We also repoih vivo measurements. Average tissue optical properties of a healthy breast are
used to deduce oxy- and deoxy-hemoglobin concentrations. Differential imaging with a tumor
simulating target adhered to the surface of a healthy breast evaluates the influence of physiologic
fluctuations on image noise. This tomography system provides robust, quantitative, full 3D image
reconstructions with the advantages of high data throughput, single detector—tissue coupling path,
and large(1L) imaging domains. In addition, we find that point spread function measurements
provide a useful and comprehensive representation of system performan@®03CAmerican
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I. INTRODUCTION speed and size of the collected data set. Coverage and reso-
lution demand large data sets. Patient movement and physi-
Diffuse optical tomographyDOT) enables researchers to ologic fluctuations necessitate fast collection speeds. In fact,
translate highly scattered, light signals into clinically meanfull coverage tomography of breast requires large data sets
ingful information about human tisste’ The tomographic  for even modest spatial resolutiéag.,~1 cm). Consider a
approaches are new and should offer substantially improvedOT system that aims to provide 0.2—1.0 c¢m resolution in
characterization of lesions compared to transillumination apdeep breast tissué.e., depths of 1 to 4 cmyith 1 liter
proaches of the pa’t® Intrinsic contrast derived from oxy- volume coverage. Even if we naively assume that a measure-
and deoxy-hemoglobin have been used to differentiate tunent number equal to the number of voxels is sufficient, we
mors from normal tissue based on vascular signatdrés. require from 18 (1 cm resolutionjo 1@ (0.2 cm resolution)
Extrinsic contrast, for example with existing vascular basedheasurements. Furthermore there is often an advantage to
agents such as indocyanine green, have exhibited significamtersampling for signal averaging considerations, or for han-
tumor contrast enhancemérit. Ultimately, perhaps the most dling surface features that have sub-millimeter structure and
promising optical imaging schemes, may involve targetedre near the regions of high measurensemisitivity'> Most
agents to select cancer tissue based on peptide and molecwl@mical prototypes used fdn vivo measurements have had
level bindings:? The exquisite sensitivity of optical spectros- much smaller data sets, in the range of 010 optode
copy to both intrinsic and extrinsic agents make DOT attragpairings>° though recently a few systems with larger data
tive. However, before clinically optimized optical 3D imag- sets have been reporteth this paper we present the results
ing systems can be realized, several challenges remain to dea comprehensive investigation on the design, optimization
solved. and imaging performance of a hybrid DOT system that com-
The main experimental challenges for DOT relate to théines a limited number of frequency domain measurements
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(720) with a significantly larger set of CW measurementsscattering coefficients and thus to impose constraints on the
(10°). Before discussing the design in detail we briefly reanalysis of the cw data. The larger cw data set$ (i€a-
view our design rationale. surements)collected with a CCD permit 3D DOT recon-
Every diffuse optical tomography system must make comstruction of a 1-liter tissue volume. Using a plane parallel
promises about data type and number, measurement geoffansmission geometry the breast surface is imaged via a lens
etry, optode placement, and reconstruction method. &enefoupled CCD. This scheme reduces the complexity of the
ally for absorption and scattering images there are thregyht channeling system to a single lens, instead of an array
possible measurement approaches; time dorfmilsed in-  of fipers. For extrinsic contrast agents this is a natural imag-
put light with pulse duratiomy~ 100 ps), frequency domain jnq approach that has not been pursued to the clinical proto-
(modulated input light with frequeney~10°—1@ Hz), and type by others.

continuogs-waveL(wDC;—loo k,HZ)' The time domain ap- Some form of optical tomography or image reconstruction
proach yields the most information per optode pair when thﬁlust play a central role in any system which aims to use

signal-to-noise ratio is sufficiently large, but it is usually thediffuse light to improve breast tumor diagnosis. Indeed the

most expensive technique per optode pair. Contmuous'wa\/ﬁeakness in earl{and currentklinical work is at least par

(cw) measurements on the other hand are the least expensjve . L . .
. . : . e 1ally attributable to deficiencies in the image reconstruction
and vyield the least information per optode pair. Within the roach. Various reconstruction aporoaches exist for DOT
diffusion approximation the tissue is described by space- an P N Arridd8). In thi p?( | finit ’
time-dependent absorption and scattering coefficients and i or a review see Arridde). In this work we employ a finite

dex of refraction’* To extract and separate variables at adlfference forward solver and use the explicit adjoint formu-

single light wavelength a system needs at least three indition for the inverse problem as described below. Most DOT
pendent measurEfor example, multiple frequency domain approaches have been implemented in two dlmensm.ns..ln
or a time domain measurement®n a per-optode basis the the best 2D cases, researchers have employed a cylindrical
frequency—domain and time-resolved measurements wougometry to reduce the dimensionality of the probtérfi.?’
seem to have an advantage over the cw approach. HowevBgcently there have been direct comparisons between full
in practice it is possible to reduce the number of time3D and 2D reconstructions using simulated détd;?®not
independent measurements needed by making assumptighgprisingly the 3D reconstructions were superior. The main
about the medium such as its absorption and scattering proparrier for full 3D reconstruction is the significant memory
erties. Imaging of differential changes can also dramaticallgnd processing time it requires. For example, with 0.125 mL
improve the robustness of reconstructibn. voxels, 1 L imaging domain, 10,000 measurements and a
The most popular geometry for breast imaging has beegingle 500 MHz, Pentium 1l processor our reconstructions
the 2D circular array of sources and detect6r$: This ge-  take 24 h. These numbers can vary by up to an order of
ometry is appealing, in part because of its similarity to thenagnitude depending on details of the algorithm. There are
geometries used for computer aided tomography. It benefitgo steps of the algorithms that are costly} solving the
from a full 2D measurement view over the entire circumferforward problem for each source position, detector position
ence of the tissue vol_ume. Full exploitation of this geom_etryéndlor frequency(2) solving the inverse problem. We have
requires large dynamic range and large channel separation §gusen to solve these large-scale computational problems us-

that the high light intensities at the close distances do n%g parallel computin] which reduces our reconstruction
contaminate the low light levels (18 lower) at the long time from 24 h to 2 h.

source detector separations. Another attractive geometry, The paper proceeds as follows. In the methods section we
which builds on experience with conventional mammogra-

phy is the planar geometry which has been employed in bochescribe the experimental setup, the image reconstruction
parallel scanning mod®®@ and limited view DOT brocedure, data analysis methods, tissue phantom experi-

23 . . . ments andin vivo measurement procedures. In the results
arrangements:> The disadvantage of this geometry is that nd discussion section we evaluate and develop the relation
the view is limited. It does not fully surround the surface of . : . d lution for th tp We th
the tissue volume. An advantage is that the tissue is cont?-e €en image noise and resolution for the system. We then

pressed providing increased light transmission and increas@&oceed to ev_aluate ObJeCt characterization, m“'“p'_e_ object
tomography, field of view and spectral decomposition of

resolution, since resolution performance falls off with dis- , o i X X
multiple absorption images into constituent properties. One

tance from the measurement surfat€ 2°In addition, in - abs ) con )
the parallel plate transmission mode the dynamic range r@f the significant challenges to imaging tumors is the hetero-

quirements of the detection system are reduced, and the nf&neous nature of healthy breast tissue. Stati*® have
chanics of adapting to different breast size is reduced to "gPorted spatial variations ip¢ over tumor and healthy
simple planar translation analogous to traditional x-ray mambreast tissue. Quaresirstial* reported spatial variations in
mography. Ma- TO assess the effects off heterogeneous optical proper
With these considerations in mind, we have pursued #€s on imaging focal objects we performed phantom studies
hybrid frequency domain/continuous wave approach wittwith healthy subjectdn vivoresults are discussed including
massively parallel detection via a lens coupled CCD cameraeasures of tissue averaged optical properties and differen-
The frequency domaifFD) measurements enable us to tial imaging with a tumor simulating target in the presence of
guantitatively determine the tissue averaged absorption aridsue spatial heterogeneity and temporal fluctuations.
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Fic. 1. (a) Schematic of a clinical DOT tablé), (c) Pictures of the instrument. The subject lies on the table with both breasts suspended in the Intralipid tank

and positions one breast central to the measurement area. The breast is held in soft compression between a movable compression plate and.viewing windo
Laser light sources are optically switched between 45 fibers arranged oxB sg@are lattice within the compression plate. The modular viewing window

can be fitted with either diffuse or anti-reflective coated transparent windows. The transmitted light is detected by a TE cook2l68.6ramens coupled

CCD. Simultaneous frequency domain measurements are made with an array of 9 detectors fibers interlaced among the source fibers in the compression plat

II. METHODS filter (670 nm, CVI Laser Inc.placed in front of the CCD
lens, and a light shielding box surrounding the camera. Fre-
quency domain measurements are made with an array of 9
1. CCD transmission data detectors fibers interlaced among the source fibers in the
compression plate. The same lasers are used for both the

In Fig. 1 we illustrate our clinical diffuse optical tomog- fequency domain and the CCD measurements and they are
raphy table. For human measurements the subject lies on tHgtected simultaneously. The total scan time for all 45

table_vylth both breast_s susp_e_nded in a tank filled with thgources is 3 minutes for one color and 12 minutes for 4
Intralipid. One breast is positioned central to the measureﬁ-oIors
ment area and held in soft compression between a movab € The signal-to-noise rati¢SNR)of the CCD light intensity

compression plate and the viewing window. Four lasers op- . L2
measurements was evaluated using Intralipid tissue phan-

erating at 690 nm, 750 nm, 786 nm, and 830 nm, respec- . . .
. . ) . . ; oms with a range of different source detector plane distances
tively, are optically switchedDicon Fiber Optics, GP700 Y.). CCD measurements were binned into<24 square
between 45 fibers arranged on in a 9X5 square lattice with%. s = : . . q

units to given an equivalent pixel size of 0.35 cmXx0.35 cm

the compression plate. The switching times &0 ms ; .
between colors, and500 ms between source positions. The®" the breast surface. A series of 100 measurements with 1

laser powers are balanced so typically 6200 xW is de- second expOSLire times were mzide on tiss_ue phantoms with

livered to the fiber tips for each of the four colors. (1#a=0.05 cm* andug=10 cm™). The noise across the
The viewing window is modular and permits use of dif-Mage plgne was defined as the standard deviation fpr each

fuse or anti-reflective coated transparent windows. A 50 mrinned pixel. For the source—detector plate separations of

F#=1.4 lengNikkor AF 50 mm F/1.4DJs used to image the AYsi=5 to 7 cm, the SNR was greater thari & the peak

detection plane onto the CCD chip with a magnification ofignal pixel(i.e., the pixel with the shortest source—detector

0.2. The light is detected by a thermoelectrically cooledseparation). For lower light level pixels with light intensity

(—40 °C) 1300x1340 CCD pixel array with area 2.6 cm 1% the peak intensity, (corresponding to a 6displacement

x2.68 cm (Roper Scientific, NTE1340). The CCD array is On the detection plane from the peak signal pjxéle SNR

read with 16 bit A/D conversion. With a 800x1120 pixelWwas 16 for AY=6 cm and 18for AY=7 cm. When the

ROI and 2x2 on chip binning the readout time is 300 msoptical switch is switched between each frame the maximum

With a 1 second exposure time the dark countwhs5+11  SNR decreases tox210%. In ourin vivo measurements of

counts per 2x2 pixel bin. A dark count image was taken anldreast optical properties using a similar geometry most

subtracted from each measurement image. Background rodneast compressions were 6+1 Triffuse stray light con-

light was reduced to levels below the standard deviation itamination was present at a IevelﬂefLO*“*lpeak. To avoid

the dark image~11 countsjusing a long pass color glass complications due to this light, data was cropped!/ B,

A. Experimental
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<0.03, keeping the stray light contributiet%. For typical {Nx,Ny,Nz}={65,25,6% of size  {Ax,Ay,Az}
optical properties and source detector plate separations this{0.25,0.25,0.25cm for a total of 105,625 grid points.
intensity threshold cropped the data at a radius of 6 cm from
the peak value. For the reconstructions the detector grid was
defined as a 21X13 grid of measurements spaced 0.464

in both x and z directions spanning the region from Céjﬂlmage reconstructions

={—-4.64 cm,yy, —2.32 cm}to r,={4.64cm, yq4, 2.32 We describe our reconstruction scheme for absorbing het-
cmj. erogeneities only. Our approach is based on the diffusion
2. Frequency domain equation[Eg. (1)] and involves minimizing a Rytov type

2

: . : . Jeast squared error between calculated and measured photon
The light sources consist of the laser diodes described [y, iv.oc for each source detector pait® Optode pair mea-
the previous sectiofwhich are modulated at 70 MHz). ngh_t surements(indexed byi) are indicated by the source and
from the breast surface is channeled through 3 mm fib etector positionsr(;,rs;). The error function minimized is
bundles and measured by APOdamamatsu C5331-04). (see Englet al®)

The amplitude and phase of the detected diffuse photon den- '

sity waves are obtained by demodulating the output of the bm be

APD using ahomodyne techniqu&.In our system the elec- ming | {In| —] 1 —1In| — + Regularization .

trical signal from the APD passes through an ampl#é&iL- Pmr ber 2

500LN Mini-Circuits, gair=24 dB), a band pass filter (©)
(BLP-70 Mini-Circuits), a computer controlled digital at- The measured photon fluence rates for a reference medium
tenuatorZFAT -51020 Mini-Circuits(0-36 dBJand another  ang the medium of interest arep,g(rgi,rs) and
amplifier (ZFL 500HLN, gain=19 QB). An 1Q demodulator 4 (r . ), respectively. Similarly ¢eg(rgi.fs) and
(ZFMIQ-70D, 70 MHz, Mini-Circuits followed by a low 4 (r . r_) are the respective “reference” and “of interest”
pass filter SLP-1.9, Mini-Circuit extracts phase and ampli- cajculated fields. The regularization term is discussed below.
tude relative to the RF reference signal that drives the laserg, (r . r.) is calculated using priori information, (usu-
To minimize the cross-talk between various components, ajljly the Intralipid mixture optical properties and tank geom-
of the ele_zments are _placed_ln NIM boxes. The system igtry). ¢ (ryi,rs) however is computed based on the un-
characterized by a noise equivalent power of 3{W£), @  known properties that we wish to determine; its calculation
linearity in amplitude of 1%, and phase drift of 0.25 degreegequires inversion techniques.

over 80 dB. To determinap.(rq;,rs) we used an iterative model, with
linear Rytov update steps. We definaﬂ‘é”(rdi Tsi)
B. Theory = K(rai r)exXp@Eii(rqi rsi), wherek is the iteration in-
In this section we describe our forward model for lightdex andp(rq;.rs;) is calculated using an initial guess of the
transport in tissue and our inverse solution scheme. optical properties. The Rytov scattered wave for a particular

1. Forward model source detector pairpg;a}(rsi,rdi) is thus

We model light propagation through tissue and tissue | ( 'é”(rdi,rsi))
—In| ———

phantoms with the diffusion z'approximation, ¢'§(rdi o)
V-(D(r)Vrb(r))—(Ma(r)—I%) $(r)=—S(r). 1) _1fGE(rdi,r)GE(r,rsi)AM‘;“(r)d?'r "
D Ga(r i rsi) .

HereD(r) =1/3(u.(r)) is the diffusion coefficiente.(r) is
the scattering coefficienip(r) is the photon fluence rate, Here ¢X(r,r;) is the solution to the diffusion equation for a
ma(r) is the absorption coefficient; is the speed of light in  |ight source at position; and a specified distribution of
the media andv is the source light modulation frequency. absorptiorw';(r) and scattering:.(r). The Green’s function
The source is characterized by an amplitude and ghase  GX(r,;,r) is the solution to the diffusion equation for a delta
S(r)=Spe'?5(r —r4)]. Partial current boundary conditions function source at the location of tita detector(S= &(r

are used on all surfaces: —r1)), and the same distributions of absorptipfi(r), and
Sh(r) scatteringu¢(r). The differential absorptio(nA,u';”(r)) is
o —ad(r), (2)  the unknown vector we seek.

Equation(4) can be transformed into the following matrix

where a = (1-Rgy)/(1+Req) (3ue/2), where Res  equation:
~ — 1.440r 2+ 0.170n ! + 0.668+ 0.063n and n=n;,/ o
Nout- c

The heterogeneous diffusion equation is solved using a _[ In( oK )]Z[JK]{AME+ B (5)
finite difference algorithm throughout a rectangular ¢
domain!® The rectangular volume is defined hy,; The Jacobian[0¥]=[&{In(¢$X)}/Su,]) is explicitly gener
={-8,0,-8} and rp»={8,6,8 with elements ated using an adjoint method:
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s{In(¢}
Opa

k k C. Phantom measurements
_ v Gc(rdi ,rj)GC(rj ,rsi)

D G(rgi le) ' 6) Tissue phantom imaging experiments were used to evalu-
" e ate the imaging performance of our machine. All phantom
tests were performed using a background Intralipid/ink tissue
phantom  with a p,(\(786 nm))=0.05 cm ! and

’ _ —1 ‘e .
which a square matrix is created by multiplying both sides 04“5()‘(786 nm)=8 cm . Silicon rubber tissue phantoms

the forward problem by the transpose of the Jacobian. ThEere used to create solid shapes for two purposes. .TO avoid
inversion is stabilized using a spatially variant TikhonovprObIemS related to the phenomena of a tissue air interface

regularization scheme. With substitutiongff™* for ¢, the near our imaging domain, we extended the diffuse media

objective function[Eq. (3)] used for each iteration inverse verucglly by placing a solid t|ssue.pha.nto.m above th? com-
step becomes pression plate area. When a subject is in the machine, the

chest wall plays a similar role. The tissue phantom top used
2 in these measurements hag(\(786 nm)=0.067 cm?

wherer; is the voxel position.
We follow a Morse—Penrose pseudoinverse approach

k
min[ Hm(ﬂ) ] _{m(ﬂ }+[Jk]{AM§“}T] and u/(\(786 nm)=13 cm *. The solid tissue phantoms
dmRr ber ) were also used as imaging targets. The targets were cut from
1o 500 ml homogeneous solid blocks with prescribed optical
FAN)I{ A 3. (7)  properties and suspended in Intralipid with thin white thread
) ) at prescribed positions.
This can be arranged in a more compact form: A final group of indocyanine greeiCG) phantom mea-

surements employed a pair of flow cells. They were cylinders
with inside diameter 1.6 cm, inside length 1.6 cm, and wall
thickness of 0.05 cm. In general the objects were placed in
pairs as depicted in Fig. 2, with positiong;;={—2.5,3,¢
andr,,=12.5,3,0.

2

s o )

mm[

+x<r)ll{AM§”}llé} : (8)

2

. . . . . D. In vivo measurements
The related matrix equation to be inverted for each iteration Vv .

step is In vivomeasurements evaluated a system performance for
obtaining background optical properties of breast tissue, dif-
([Jk]T[Jk]+)\(r)[|]){A,u§+1}T ferential imaging in the presence of physiologic fluctuations.
All measurements with humans were performed in accor
— 3™ In ﬂ@ ) dance with University of Pennsylvania IRB protocol,
bR ¢,lé ' #700394. The tissue averaged optical properties of breast

were obtained using frequency domain measurements that

This matrix equation is solved using a conjugate gradierRredominantly sampled the breast tissue. One healthy subject
method. The result of one inverse solve is an updated set @€ 25 was measured. The compressed breast shape was a
optical properties. The optical property map from the precedhalf ellipsoid measuring 13 cm at the top of the compression
ing iteration is used as the basis for a finite difference forPlate and extending 10 cm below the top source. A subset of
ward solve and construction of the Jacobian for each iter&entral sources near the four detectors that were more than 2
tion. The regularization constants defined below were hel@m away from the breast/Intralipid boundary were used. The
constant at each step. Convergence was found to be condigta was analyzed by approximating the breast geometry as a
tently obtained after fifteen iterations. homogeneous slab. We fit the phase and amplitude of the

Following Pogueet al®” we use spatially variant regular diffuse photon density waves as a function of the source—
ization. We implement the method in the plane parallel gedetector distancép) using an extrapolated zero boundary,
ometry using a spatially variant regularization parametepemi-infinite media solutioff:** The measurement was re-
controlled by centerl() and edgel() parameters according Peated 10 times.

to the following formula: To evaluate the influence of physiologic fluctuations on
image noise, we made differential measurements with and
Ar)=l.+1gx (e xRt e Py/Ry+ e r2/Re—3), (10)  without an ink/silicone targetdiameter=1 cm,u,=0.2

cm 1) taped externally to the side of the breast. Background
Here,py=Ir,ll, py=IIry=3Il, p,=lIr I, andR,=16,R,=6,  measurements were taken after removing the target. The
R,=16. A ratio ofl./l ;=10 was empirically determined to scattered wave was constructed USHAg= digeton N
produce even image noise as a function of depth from thé o= ¢igero- The measured breast tissue averaged optical
source and detector planes. Finally, the inversion volume wasoperties were assumed for the entire volume. Although this
performed over a mesh volume defined iy, ={—6,0, assumption generates a model mismatch in the Intralipid vol-
-6} and ry,={6,0Y,46} with elements {nx,ny,nz} ume, such assumptions have been shown to be useful sim-
={24,12,23 of size{s,,4,,5,}={0.5,0.5,0.5 cm. plifications in differential imaging applicatioAs®
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a) b)
6 —0.07
-5
4 -
~ 5 = 0.065
= 0 20
L N 0.06 Fic. 2. The schematic of reconstruction volume.
N.24d Sources are located in tlye=0 plane the detectors are
| 5 located on thg=6 cm plane. The position of two typi-
-4 0.055 cal target phantoms is indicated) An isosurface ren-
6L dering combined with slices through three orthogonal
4 d) planes. The slices are individually rendered in the fol-
y(cm‘1) lowing three figures(b) xz-plane slice ag=2.75 cm;
¢) (c) xy-plane slice az=0.25 cm;(d) yz-plane slice at
s x=—2.5 cm. Gray scaléunits cm?) for all figures is
§ shown in(b).
N
lll. RESULTS Reconstructions were performed for a range of regulariza-

tion constants|.={1000,100,10,1,0.1,0.01,0.001Figure 3

depicts a reconstruction wilh=0.1. Plots of object cross-
.We eyaluated the resglution performance of our systeMactions and a histogram of the image intensity values for a

using point spread functiofPSF) measurements. In these (546 of regularization constarBg. 4)illustrate the effects

t_ests we measured the reconstruction §r#HM) of point- of regularization. The cross-sections are evaluated at the
like objects. For any measurement, the extent of the PSF ¢ . . . . L :
HM. The dispersion of the image intensities indicate im-

be reduced. The cost of better resolution however is in- noise. Generally the histoaram is th m of mmetri
creased image noise. Our experiments thus also evaluate e 0_ s€. Lene ,a y 6_3 S 09 amis _e sum ota symme
ally dispersed distribution of image noise and a secondary

resolution-vs-image noise relation. We used small stronglﬁ B ) ; i
absorbing point-like objects, specifically 0.4 cm diametedistribution at highu, due to the objects. This can be seen

spheres withu,=2.0 cni* and /=8 cmi L. These objects by cpnsidering the isosurfadeee Fig. 3(a)frawn at 1/2
have a linear signal strengthdu,* volume=0.07cn?)  Maximum contrast.

which is similar to the linear signal strength of an object with  There is generally a trade off between resolution and im-
1 cn? volume and asu,=0.07 cm !. Two such objects age noise. This is summarized in Fig. S¢@)ere we plot

A. Point spread functions

were arranged at={-2.5,3,¢, andr,={2.3,3,0. FWHM-vs-image noise. The regularization constant param-
a)
6
4 0.09
2 0.08
g 0 10.07 Fic. 3. Reconstruction of two point
~N 0.06 objects used for PSF measurements
-2 ' with 1.=0.1. (a) Three slices through
-4 0.05 the volume atx=-2.5 cm,y=2.75
cm, andz=0.25 cm, combined with
'6_5 an isosurface at half maximum con-

trast (u,=0.079).(b) xz-plane slice at
y=2.75 cm.(c) xy-plane slice atz
=0.25. (d) yz-plane slice ax=—2.5
cm. Gray scaléunits cm’?) for all fig-
ures is shown irb).

c)

-5 0 5
X (cm)
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Normalized cross sections 5 Dispersion of Image Instensity
! 10 - 1=100
a) \ b) t + 1 =1
\ °_
i \ 3 o 1=001 Fic. 4. (a) Cross-sections for three
0.5 [ | é M values ofl.. The resolution is im-
50 P \ ‘5 + % proved for smaller values df. (b)
w y 5 < S Image dispersion histograms for three
0 J Y | g values ofl, show the increase in im-
‘W 2 ® : age variance with decreasing values of
C— =1 . Q I
[ o 0 [
— =001 | e - - %g o,
0.5 10" —we % oH-o—
5 0 5 0.04 0.06 0.08 0.1
x (cm) Ky

etrizes the curve. At a preliminary level of analysis the entir@oise is defined a&5u2)*2 We plot CNR versus the regu-
curve defines system performance. A viewer may choose tarization constant in Fig.(6). The CNR peaks dt=0.1.
interpret the data at any point on the curve, trading resolutiofihis corresponds to one decade lower than the L-curve
for image noise. However, it is preferable to establish thanalysis. Since the contrast-to-noise value is a more tangible
optimal image. There are several parameter choice methodptimization, we proceed with,=0.1 as the optimal regu-
for establishing the optimal regularization parameter. Wearization constant. It appears that L-curve analysis provides
considered three approaches. an overly-smooth solution for the imaging situation of two
An empirical approach is to define an image noise levakolated point objects in a relatively large imaging domain.
that can be tolerated forparticular imaging questioft.For ~ When |,=0.1 we obtain a 3D point spread function with
instance(6ﬂg>1’2$0.0024 would set the regularization con- FWHM={1.1,1.13,1.1}cm obtained with an image noise of
stant at .=0.1 and correspondingly the FWHM at 1.2 cm. (6u2)*?=0.0024 cm* . Since the objects are 0.4 cm in di-
A parameter choice approach called L-curve analysis prameter the peak contrast value is considerably lower than the
vides a method of effectively calculating the regularizatiorphysical target object contrast dga.recon/ Sia-object
constant directly from theneasurement®. L-curve analysis =0.098/2=0.049). However, the integrated signal Sig
examines the parametric relation between the image norms Su,* volume is  closer to  expectation  with
the measurement error norm and the regularization constaiBig.econ/ Sigopjeci= 0.0265/0.0650-8.41). Since the signal
In Eq. (8) the regularization parametex(r), controls the strength does not vary linearly witta, for large u,, this
relative weight between the image variance norm and théiscrepancy in integrated signal strength is reasonable.
measurement error norm. L-curve analysis plots these two
norms against each other for the range of regularization pa-
rametergsee Fig. 5(b)]. The result is an L shaped curve with”
the knee of the curve representing and optimal regularization Diffuse optical tomography is an inherently nonlinear im-
value. This analysis places the regularizatioh,&t1.0. aging method. Although point spread functions are useful,
Third, we considered an approach in which the ratio beene cannot be certain that a new object will show up as the
tween the object contrast and the image ndBNR) is  original convolved with the PSF. It is therefore best to check
maximized. Contrast is defined as péak, of the target and questions of interest directly. In breast cancer studies one

Characterization

a) image norm-vs-residual norm b) image norm-vs-residual norm c) Contrast/Noise
2 2 16
1 1 e
_:_m
= o w 12
1«05 imO 5 §
w =3 E
= - = 10
Q
&)
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1 2 3 0.1 0.2 04 07 10° 10° 10°
FWHM (cm) 19 01, |

Fic. 5. (a) Image noise vs FWHM of PSF as a function of the regularization conktafor(l.={1000,100,10,1,0.1,0.01,0.001b) Image norm vs residual
norm. (c) The ratio of(object contragf(image noiseps a function of .. The optimal regularization constant maximizes the contrast to noise ratio.
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Fic. 6. A comparison of images of objects with different giiameter={0.15,1.0,1}%m) and equivalent intrinsic contrasff,=0.15cm ?). (a) Cross-
sections for the three objects show that the peak signal decreases for objects smaller than the PSF of the(imstrgpraparison of the volume integrated
signal versus expected for an integration volume defined By(F\WHM of PSF).

aims to use DOT to characterize a suspicious mass. Our gaastent with thez-direction FWHM found in the point spread
here is to evaluate whether the volume integrated signal fanction. The peak values drop to 75% of the center values
guantitative for objects smaller than the optimized PSF of thior objects on the edges of the reconstruction volume. The
machine. This series of measurements evaluates the charaesolution is optimal at the centrat values and improves
terization of spherical objects with small differential contrastowards the source and detector plane. However, the spatially
Sualma=3. In particular, we reconstruct objects of threevariant regularization has provided fairly consistent sensitiv-
different sizes; 0.5 cm, 1.0 cm and 1.5 cm spheres, pgth ity and resolution throughout a volume with dimensions
=0.2. The results are shown in Fig. 6. The variance in th¢16,6,5}cm.

volume integrated signals was estimated using the variance

in du,. Note that this method slightly over estimates theD. Spectroscopy

variance for objects larger than the PSF. The standard devia-
tion in Su, was 0.0024 cm' or 12% ofSu, whichever was
greater. The image of the 1.5 cm sphere shows an obj
close to the correct size and with a moderately lower
value, ©O1a-recon! 5Ma—object: 0.73, Sigecon/Sigobject
=0.31/0.27=1.16). Images of both the 0.5 cm target
(Ota-recon! Sta-object= 0-09,  SiGecon/ Sidopjece= 0.0011/0.009
=1.16) and 1.0 cm target qua-recon! OMa-objec= 0-23,
SiGecon/ SiGobjece= 0-083/0.078-1.06) depict objects larger
and with significantly lowej, than the targets, reflecting a
smoothing operation consistent with the optimized PSF.
However, the volume integrated signal of the objects show
much better agreement with the expected values.

The next set of measurements evaluate the ability te char
a?terize the constituent concentrations of a tissue phantom.
Wwo 3.2 cni flow cells were used: one with an ink contrast
and the other with an ICG contrast. Reconstructions were
performed at all four wavelengths. The absorption maps
were then combined into concentration maps on a voxel by

C. Field of view

o~

In this section we evaluate the ability of the system to~,
image an extended tissue volume and to reconstruct a heter %
geneous medium with multiple objects. We dispersed 15 cu
bic silicon tissue phantom objects throughout the measure
ment volume. The 0.8 cm edge dimension cubes wijth
=0.2cm}, u.=10 cm* were arranged in a hexagonal lat-
tice. Single wavelengtfA=786 nm) measurements were
taken with and without the objects present and reconstruc

tions were performed with,=0.1. The resulting 3D recon- 0
structed volume is depicted in Fig. 7 with isosurfaceg at
=0.092cm . The results are also shown in cross-sections & y em™

_1
y depths of 1.5 cm, 3 cm, and 4.5 ¢Fig. 8). Note that the % (em™)

ObJeCtS are well Separated in all three dimensions and thé};. 7. A reconstruction of 15 objects indicates the spatial extent of the

only objects that belon_g in each plane are present. Th?re iSnfhging domain of the instrumetfteld of view). Isosurfaces are drawn at
small amount of ghosting between the slices, but this is comse% peak differential contrast.
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a) y=1.5cm b) y=3cm c) y=4.5cm
0.15
g 10.1 Fic. 8. Slices at threg values{1.5, 3,
1 4.5} through the 15 object reconstruc-
tion shown in Fig. 7.
0.05

x (cm)

voxel basis usingé(rv) —E150,(r,). Here 84a(r,) correct).. We ar'1ti.cipate similar specFraI decomposition perfor
— {Sua(r )% Sua(r,) M50 Sua(r,) % Sua(r,) 80, is  mance in obtaining ICG concentrations and hemoglobin con-

a vector containing théu, values atr, for each wave- Centrations in clinical imaging situations.

length,E is a matrix containing the extinction coefficients of
ink, and indocyanine green at the four wavelengths, and ) ,
C(r,)={[ICG](r,),[Ink](r,)} is a vector containing the E. Invivo average breast properties

concentrations at each voxel. Thg, and concentration im- Transillumination images of a breast are shown in Fig. 10.
ages are shown in Fig. 9. Note that both objects appear in dlhe outline of the breast can be seen as well as superficial
four of the absorption images. However, the concentratioblood vessel structures on the detection plane. The breast
images successfully distinguish between the india ink angosition is obtained from these images. The average breast
the indocyanine green dye. The lower CNR in the ink imagéssue properties are derived from the FD data at four wave-
relative to the ICG image is due to the lowgr, of the ink  lengths. The data was analyzed with a semi-infinite diffusion
target and results in a small artifact in the ink image at 60%nodel®® The data and semi-infinite fits for a 25 year old

of the maximum differential contrast. These results, comsubject are shown in Fig. 11. The variance in the measure-
bined with the object characterization results, suggest thatents is less than the symbol size. The subset of source—
even for tumors smaller than the resolution of our machindetector pairs chosen sample-8 cmx5 cm region, central
(diameter 0.5 cm), this DOT system will correctly determineto the breast area shown in Fig. 10, to a deptk b cm.

the tissue chromophore concentrations when averaged owe find good agreement with the semi-infinite model for the
the volume of the PS{e.g., the volume integrated values arerange of source—detector separations chosen. The absorption

a) 690 nm b) 750 nm 0 786 nm d) 830 nm

5

i 015 |{0.15

0 0.1

0.05
5

5 0 5
x (cm) cm) x(cm

Fic. 9. (a)-(d) Absorption slice im-
€) Ink concentration(%) x 1000 ICG (M) ages aty=3 cm for four wavelengths

0.6 (gray scale bar in units of ¢h. (e),
| 103 (f) Using spectral decomposition, the
i ' 0.5 reconstructed concentrations of ICG
and of India ink are obtained.
10.25 0.4
5 0.3
0.2 N
0.2
0.15
0.1
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a) 780nm b) 830nm

Fic. 10. (a), (b) Transillumination image obtained by
summing images for all source positions for 690 nm
and 830 nm, respectively. The outline of the breast is
obtained from these pictures. Superficial blood vessels
on the detection plane are visible.

-Log(I'1y)

and scattering coefficients obtained are plotted in Fig. 12hysiologic fluctuations on the time scale of minutes, we can
The error bars represent the standard deviation of the absogroduce images with large contrast-to-noise ratios.
tion and scattering coefficients from ten measurements. The
hemoglobm_ concentrgtmns were optglned through spec_tria\ll' DISCUSSION
decomposition assuming a 50/50 lipid/water concentration _ N _
where the lipid spectra is from Ref. 40 and the water spectra Diffuse optical tomography utilizes inherently 3D mea-
is from Ref. 41. The resulting blood volufiébT]=28 uM,  Surements of tissue volumes. In order for the technique to
and saturation, St363%, are consistent with values we Progress towards clinical utility it is important to develop
Our numbers are also in reasonable agreement with the féssue volume. Furthermore, in such cases it becomes chal-
sults of other groups using a variety of measurement typdgnging to acquire and process a sufficiently large data set. In
and geometrie$>?° this paper we evaluated a novel hybrid CCD based DOT
The differential image experiments were reconstructe@yStem with parallel computations for image reconstruction.
and yield the images shown in Fig. 13. The system is clearijhis scheme provides imaging of liter tissue volumes with
physiologic fluctuations. The image has more structure thayStems use CCD detection, CCD elements are coupled to
the Intralipid phantom images of equivalent targ€ig. 3).  tissue surfaces using discrete fibers. We have demonstrated
This structure is most probably a result of physiologic flucPOT performance using single lens coupling. This scheme
tuations that propagate into the image as noise. We compat@s several ad\_/antages. Uncertainty in the calibration of the
the dispersion of the voxel values for phantom amgivo  detectors coupling caoften degrade image qualfffThese
imaging in Fig. 14. The image variance in thevivo mea-  coupling coefficients can be obtained at the cost of increas-
surements is 4.3 times larger than for Intralipid. This illusing the number of unknowns in the image reconstruction
trates two points about the machine. First, the measuremerRE2Cess. By using a single detection element and contact sur
obtained with the lens coupled CCD have sufficient SNRace(imaging windowjthe number of calibration coefficients
(i.e., instrument noise is not the leading cause of image noigée significantly reducegdeally to one detector coefficignt

for anin vivomeasurement). Second, even in the presence dfis is evident in the fact that the dominating systematic
noise source in our device is the source fiber switching

mechanism. The high resolution of the underlying CCD mea-

10 1.5
1 690 nm e
10° 05| w— . g) Absorption t1)2) Scattering
-~ 0 :
o~ 2 2 3 4 2 2 3 4
E. 10 *\\‘\ % 1'? 750 nm 0.05 / 1 +
3 10° R 205 " ;
E: g 3§ 0 . 008 A+/ 10 + f )
= .
102 2 3 4 o 45 2 3 4 —_ —_
A\‘\ ‘1 786 nm F'E y F'E 9
. i 5 0.03 5
10 \‘\‘.\‘_‘ 0.5 ‘/M"' = =
0 = 3.
102 2 3 4 15 2 3 4 0.02 ,
‘\“ 4| 830nm -
¢ TR - 0.01
10 . . o.g — = 6
2 3 4 2 3 4 o s
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Fic. 11. Data and fits based on a semi-infinite diffuse wave solution to
frequency domain data at 4 colors for measurements on human breast. 16. 12.FAbsorption and scattering coefficients for a healthy human breast.
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a) b)

0.14
0.12

—~ 0.1

£

< _‘0~08 Fic. 13. Differential image reconstruction of a phantom

N 0.06 target taped onto the surface of a human breast. These
0.04 breast/phantom measurements extend the simpler in-

tralipid studies to a more challenging situation. The
background is no longer homogeneous but instead
healthy breast tissue with both spatial and temporal
variations in optical propertiega) Three slices through
the volume atx=—2.5, y=2.75, andz=0.25, com-
bined with an isosurface at half maximum contrast
(n#a=0.083). (b) xz-plane slice ag=2.75 cm.(c) xy-
plane slice ak=0.25. (d) yz-plane slice ak=—2.5.
Gray scalgunits cm'?) for all figures is shown irtb).

c)

surement also facilitates two standard and relevant CCD fedecomposition. A critical component of the evaluation pro-
tures. The pixel binning is flexible allowing for an effortlesscedure was the optimization of the relation between image
exchange of detector area for sampling density, and the higivise and resolution for system parameters relevant to breast
resolution imaging permits a standard reflectance image efimor imaging. Though the underlying physical models for
the breast from which the breast shape and particular bounBOT are nonlinear, we found that PSF derived generally
ary positions can be obtained. This knowledge can potemlescribes the performance of the machine. This illustrates the
tially be translated inta priori information for image recon- manner in which DOT is ill-posed when constrained to ab-
struction. sorption only perturbations. For absorption imaging, the ill-
A second theme of this paper has been the characterizgesed nature of DOT consists of a blurring process that can
tion of our DOT device. To this end we employed an evalube conceptually and quantitatively captured in a simple lo-
ation procedure that should have general relevance to DQZlized point spread function characterization for most breast
systems. Using tissue phantoms, we have evaluated the sygaging situations. Related analytic studies by Schotland
tem for point spread function resolution, object characterizaet al. explore similar point spread function (fSe.
tion, multiple object tomography, field of view and spectral For comparison with other groups we consider the ratio of
the apparent object sizeelated to the FWHM of a PSF)
divided by the depth of the object. We use this as an approxi-

i Dispersion of Image Instensity mate measure of imaging performance with smaller ratios
e T [ O subject + target indicating better resolution. The system described in this pa-
i Isn‘fr’;ﬁ;f il per obtains an object to depth ratio of 1/2.8. Jieingl. have

reconstructed three-dimensional images of tissue phantoms
and tumors in brea$tt® Using a 16 source, 16 detector con-
tinuous wave instrument, 1.0 cm phantom objects were ac-
curately reconstructed at a depth of 1.3 cm from the mea-
surement surface giving an object to depth ratie<afl1.4.
The ratio may underestimate the resolution performance of
their maching(i.e., they did not look at small@bjects. In
addition, they have obtained a similar performance with
v vivo images of tumor$ Pogueet al. have reported a consid-
% 0o, e ] erable amount of work in two dimensions and recently ex-
plored the effects of three dimensici§:*34#4Using a 16
source, 16 detector frequency domain system 0.4 cm rods
0.04 0.05 0.06 0.07 0.08 0.09 0.1 0.11 were correctly characterized at a depth of 2 (@ewth an
[ object contrast of 4:1). The resulting ratio of object to depth,
_ _ _ _ 1/5, is very good. Note, these results are for cylinders which
Fic. 14. Histogram of the voxel values for tinevivo phantom differential  5\e higher integrated contrasts than spheres. When they
images. Three images are analyzed includintarget on subjectji) base- . . . .
line variance in subject measurements, #iifl baseline variance in in- 100K at spherical objects, the object contrast drops for sizes
tralipid measurements. below 1.5 cnf® Hawrysz et al. have reconstructed three-

number of voxels
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