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IV.INTRODUCTION

The research to be conducted over the four year period of this contract centers around four areas 1)
expansion of clinical trials capabilities performed under an ongoing NIH grant and their continuation after
those trials are completed; 2) image registration using the mutual information cost function for
evaluation/demonstration of image compounding and sequential examinations; 3) approaches to real time
image-based slice positioning; 4) imaging and delineation of lactic ducts in 3D and preliminary evaluation
of their diagnostic potential. The following list of tasks was given in the funded scope of work.

[ Table 1. Tasks for Grant Period
[| Clinical Trials = - i
{l Validation/improvement of vascularity measures
I_Clinical Trials -
Trials data analysis and write-up
Compound and Sequential Imaging
Develop automated image registration by max. information

Process ultrasound images to evaluate/demonstrate compound and
sequential* imaging therewith

Image-based Slice Positioning [IBAR]

Real time speckle decorrelation for image plane positioning
Digitai ductography development

Ductographic analysis of selected clinical trial cases

* Auto registration of breast images from multiple exams

The following series of deliverables and associated materials are provided below in this final report and
in the appendices. Included are a listing of papers, abstracts and manuscripts, published and submitted.

Item A: Final report on clinical trials conducted and analyzed.

Item B: Final report on image processing for auto-registration in sequential and compound imaging.
Item C: Final report on real-time implementation of image-based registration IBaR.

ItemD Final report on ductography techniques and illustrative results.

V. BODY

Significant goals were met in the four areas of emphasis of this grant as listed below.

A. Clinical Trials and Vascularity Measures

1. Clinical Trials of ~30 subjects (Deliverable Item 1)

We have studied 51 subjects (2 African American, 49 White), using the latest apparatus including the
1.5 D matrix array scanhead for discrimination of benign and malignant breast masses and evaluation of
3D compound imaging. Of these, 10 were for a second or later exam of a serial study averaging 2.67
studies per subject to evaluate our techniques for displaying and quantifying change in the breast. 4 were
normals. This was in addition to 133 subjects studied with the same techniques on an NIH grant RO1 CA
55076, which terminated earlier. Both sets of patient data were combined for several publications and
presentations described below.

2. Trials data analysis and write-up

This contract contributed to publications, References/Appendices [1-4] and abstracts (1-4, 6,7) on
methods used in the clinical trials, as well as publications ([5-7], one manuscript to be submitted [8] and
five abstracts (9, 10,13, 14, 16, 17,19, 23, 25) on results obtained in part from patients studied with this
grant. Two patient groups were studied. The initial 38 were primarily studied through an NIH grant. The
second 40 were done in part with this Army contract. Linear discriminant analysis on the first group (18
benign (mean age 46), 20 malignant (mean age 56)) resulted in 100% accuracy (A,) for a three variable
index of our vascularity measure (SWD), Age, and a subjective gray scale (GS) Index. Applying the exact
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same discriminator to the second group of subjects provided and accuracy of 97%, as shown in Figure 1,
along with ROC curves for other combinations of variables.

B. Compound and Sequeniial Imaging by Image Voiume Regisiration
(Deliverable Item 2)

Because of our exciting advances with the automatic registration of two or more 3D image sets for
assessment of sequential and compound imaging, we continued to emphasize this goal during the entire
project period. The surprising high resolution and improvement in detectability of low contrast regions
and connective tissue layers with compound imaging are revealed in Figure 2.

1. Develop automated image registration by mutual information

The software modified here for use with ultrasound, MIAMI Fuse, continues to be refined and its
utility for application to diagnostic ultrasound extended. The first demonstrated 3D coregistrations of
ultrasound image sets were published in [1] and in abstracts (7,9,10). In year 04, a new method,
involving elements of MIAMI Fuse plus registration of subvolumes of the imaged breast volume, was
developed to speed image volume registration with many control points [9], (20). This allowed
comparison of results from the new method and those from the “entire volume” registration method of
MIAMI Fuse for estimation of errors and relative registration times. Extensive error analyses are
published [9,10] and in abstracts (18,20, 21,24,26).

2. Process ultrasound images to evaluate/demonstrate compound and sequential*

imaging therewith

1. The software has been modified and the registration is now being applied on patient examples for
demonstration of each of several uses, including: 1) Combining views from multiple angles
(compounding) [9,10,12], Abstracts (11,12,16,18-22,24); 2) highlighting and quantifying changes in
essentially normal breasts as a prelude to improved detection of preclinical disease, Abstracts/Website
(6,7,9,10,18,22,24); 3) tracking changes for patients undergoing chemotherapy and antiangiogenesis
therapy [1,4,11] and Abstracts (6,7,9,10,16,18,22,24); 4) combining 3D data sets from various
ultrasound imaging modes to properly register the unique information provided by each

(References/Appendices 7, (Abstracts

Description A iy 6,7,9,10,18); 5) expanding the field of view

5%5%5 subvols 017 53 by combining several partially-overlapping 3D

) ’ ' scans to see the full volume of medium to large

4x4x4 subvols., regular 0.27 4.9 lesions and reasonable amounts of surrounding
4x4x4 subvols., fast 0.33 1.1 vascular morphology and to show a reasonable
3x3x3 control points,  0.81 53.8 volume of the breast for tracking difficult areas
global optimization of the breast in follow up studies [4], Abstracts
Table 1. Average registration times and (6,7,10,18). The advantages of being able to
accuracy per data set (13MB). Mean simulated slice synchronously through spatially-registered
warp: 2.0 mm, Std dev of noise distribution: 15 ultrasound data separated in time are difficult to
of 255 gray levels. Accuracy = mean of convey on paper. However, a demonstration
S0 : — movie on our public website (22), gives some
remaining deformation after registering the indication of the ease of comparing side-by-side
warped volume fo the original volume. registered volumes as well as the difficulty of

comparing volumetric 3D breast data displayed at the slightly different locations and orientations of
acquisition. '
2. Comparison of errors in image sets obtained of the same volume, from five different directions were
obtained by manual identification of homologous points, and comparison of subvolume and global
registration. As presented in [10], registration errors obtained in four iz vivo scans after two different
registrations with reference scan #1 yielded a mean registration error of .024 mm. A quite different
approach was recently employed to validate and compare the global and subvolume (SURE)
registration methods [9], available at http//fwww.altrasonnd.med.umich.edu/oroceedines/).  To
simulate sequential scans, a random, nonlinear deformation was applied using the inverse of the
subvolume registration method, but at higher spatial frequencies (e.g., 6x6x6 subvolumes) than used
in the subsequent registration. Both spatially correlated and uncorrelated noise was added to 20 in
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vivo breast image volumes to simulate speckle changes in multiview imaging. Registration using
SURE reduced the average displacements of 2.0 mm in the artificially deformed volumes to 0.27 mm,
respectively (Table 1). Registration times were below 5 min on a 500 MHz CPU. The greatest
registration errors were in deeper areas where there were no echoes on which to register. Between the
SURE method in row 3 and the global registration method in row 4, the accuracy and registration time
improved by factors of 2.5 and 50, respectively. Rows 1 and 4 show improvements of factors of 5
and 10, respectively. This more accurate and faster technique (for ultrasound to ultrasound
registrations) will be used for the routine registrations in Project 3.

C. Image-based Registration of Slice Position [IBaR]

1. Real time speckle decorrelation for image plane positioning (Deliverable Item 3)

As part of our research on this topic, we have continued to work with one company and interact with
another, both of which have implemented crude real time versions of our IBaR technology [13,14],
(9,12). One has implemented software which uses the image decorrelation to estimate the average scan
rate over the entire 3D sweep and applies that average rate to assign the image slice spacings. The other
does not yet apply the true decorrelation calculation on the clinically-released systems. To accurately
estimate elevational movement, the frame rates must be high enough such that consecutive images are not
completely decorrelated.

D. Digital ductography development and analysis (Deliverable Item 4)

Software tools were developed to help the user manually find, map and review ductal structures in the
volume of B mode ultrasound data. Initially, the user identifies the relative location of the nipple to the
data volume. The user then searches the volume by rotating a plane about the nipple. When a duct-like
structure is seen, the user draws a line along the duct. The software then enables him/her to rotate the
search plane around this line to verify if it is a duct, find the portions of it not in the initial search plane,
and identify visible lobules feeding it. During this process, the user can mark any feature as part of the
ductal tree, ultimately creating a 3D mapping of ductal structures within the volume (3,5,6).

These graphical analysis tools have proven useful for visual definition of ducts in a few selected cases
such as (Figure 4). The main future work will be in development of more automated duct segmentation,
which has not been undertaken extensively due to the major emphasis we have placed on the compound
imaging and the variable compression of the ducts caused by our hand scanning.

We have developed, in conjunction with CIRS, Inc., a phantom that can be used for many purposes,
including testing of detection and delineation of short lengths of ducts. This CIRS Model 44 cylindrical
plug phantom is shown in Figure 3. It contains 45, high contrast stubby cylinders within the imaging
range of the M12 scanhead planned for this study. These are in known locations relative to each other for
tests of spatial registration accuracy in multiple view compounding, as well as for the ductographic
detection.




E. Figures

Figure 1. Performance of

o 17 various discrimination indices
> on a second, test set, of 40
= _ subjects, as demonstrated by
£ 0.8 From the top left: ’ maximum likelihood binormal -
¢ : estimates of ROC curves.
g SWDAgeGS (Az=0.97) Speed-weighted pixel density
& 0.6 SWDGS (Az=0.96) (SWD), average grayscale rating
S SWDAge (Az=0.89) (GS), and patient age were
E SWD (Az=0.83) blindly applied to the
o 0.4 GS (Az=0.82) multivariable classifiers derived
= from the initial patient
'g Not Plotted: population (n=38). The high

0.2 performance (Az=0.97) of the
% SWDAge (Az=0.84) SWD-Age-GS again exceeded all
= Age (Az=0.62) other indices and demonstrated
= 0 - ‘ . ] \ [ statistically significant

0 0.2 0.4 0.6 0.8 1 improvement over all single

False Positive Fraction (1-Specif

Figure 2. (a) Uncompounded image of a breast from
reference, 0° scan. Statistical analysis showed an
almost ideal «<VN increase in SNR and CNR (contrast-to-
noise ratio) for N views compounded vs. this reference
view. Note the overall reduction in granularity and the
better delineation of connective tissues (gray arrow) in

(b).

icity) variable indices.

(b) Same image area compounded from 5 scans at 0°,
6.4° 12.8°% -5.1° and -10.2° registered using 11
control point warping transformations. Most
importantly, note the slightly hypoechoic, lobulated
inhomogeneities surrounding the left end of the
hyperechoic structure on the central right. The white
arrow denotes one such lobulation with a thin,
echogenic rim that is not visible on any of the
constituent single views.




(c) Uncompounded image of a breast from reference, 0°,
scan, 2.4 mm (8 slices) superior to image (a). Structures
noted in (d) are not seen as well here.

""" Second Section
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compounded image set as (b). Again note the slightly
hypoechoic, lobulated inhomogeneities surrounding the
left end of the hyperechoic structure on the central right
(e.g., white arrows), corresponding to those at the white
arrow in (b). Note also the improved delineation of the
dark rib in the lower left (gray arrow) and the tissue
striations extending to the right of it.

Figure 3. Diagram of our existing CIRS
Model 44 cylindrical plug phantom, which we
developed jointly with CIRS. Within the 5.5 cm
range useable for the GE MI12 scanhead, the

front side shown contains 15 3 x 6mm

cylindrical plugs and the back side of the
phantom, parallel to this side, contains 15, 1.5
mm x 2.4 mm long, and 15, 3 mm x 3 mm,
cylindrical plugs of high contrast, ~-12 dB re the
background material. This yields a total of 45
plugs with easily localized centers. Specific
attenuation of the background material on the
back side is 0.5 dB cm™ MHz'. This phantom
will provide excellent measures of the change in
resolution (contrast of the small plugs) and
increase of contrast to noise ratio on the large,
low contrast cylinders.




Figure 4. Ductal tree of a lactating
breast is shown in green 3D,
superimposed on one of the gray scale
slices in the volume. The Dark layer in
the gray scale slice, arrow, might be
thought of as a duct, but careful panning
B through the slices shows it to be a surface,
8 rather than a tube. Duct identification
B software reduces the duct delineation

§ time to approximately 1/4 that with

§ conventional 3D tools.

CONCLUSIONS

KEY RESEARCH ACCOMPLISHMENTS:

e Advanced 3D ultrasound image acquisition and display as well as quantification of breast lesion
vascularity.

® Helped demonstrate the increased sensitivity and specificity of ultrasound color flow imaging for
discrimination of benign and malignant breast masses

o Used 3D registration for combining images from different look directions to provide a compound
image volume of (often) improved information content

e Developed subvolume registration of imaged breast volumes to speed their registration with high
spatial frequencies.

e Used 3D registration for comparing images obtained at different times for following changes in the
breast

e Extended our image-based slice positioning to allow tracking of scanhead position to the extent
that a simplified form has been implemented commercially in real time.

o Developed graphical analysis tools that proved useful for visual definition of ducts in a few
selected cases.

REPORTABLE OUTCOMES:

All listed publications are included as Appendices.

* = supported primarily by another grant

** = supported solely** or primarily** by this contract
No asterisk = indirect result of developed techniques
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The general theme of the PO1 application is to apply 3D registration technique to a variety of
clinical cancer management problems in a preclinical setting to demonstrate potential benefits over
existing methods. Project 3 concentrates on registering interval 3D color flow and gray scale
ultrasound exams for the quantitatively following patients on chemotherapy.

CONCLUSIONS

Considerable innovative work to improve and evaluate ultrasound imaging of breast cancer has been

accomplished with primary or secondary support from this contract. Several of these advances are
receiving national attention (References 15-20).

Clinical Trials

The 3D color flow quantification and other advances described above should increase the sensitivity

and specificity of ultrasound imaging for discrimination of benign and malignant masses. They should

12




also improve tracking of changes during treatment or even detection of masses by highlighting of subtle
changes in follow-up studies. Data analysis and write-up of earlier trials has been completed and
contributions were made to advance 3D image acquisition, display and quantification.

Compound and Sequential Imaging :
3D registration was studied for combining images from different look directions. Registration
accuracy (related to obtainable resolution was documented. More complete delineation of many low
contrast and specular gray scale structures was demonstrated in many cases. Fig. 2 reveals the success of
techniques. The registration is also useful for following changes in the patient in serial examinations.
Both, but particularly the latter, can revolutionize medical imaging and interpretation. The former is
approaching the quality necessary to allow compound scanning (imaging the same tissues from different
viewing angles) in at least some cases and combining dedicated high resolution, (multifocal) gray scale
images with f-CDI and/or p-CDI scans. These combinations will reduce speckle and electronic noise,
while revealing more of the structure seen only at a few of the image look directions. The types of serial
exams that might be followed include tracking of tumor size and vascularity for early indications of
response to treatment, as well as serial follow-up or even screening exams to reveal abnormal growth .

Image-based Slice Positioning [IBaR]

The possibility of practical implementation has been demonstrated commercially, albeit in a reduced
form from what we have published (References 7 and 9). We believe it will be practical to make high
quality 3D scans, that are either linear or sector, but possibly not both. The ability to make accurate
distance measurements will probably be limited to fairly short distances and to areas around relatively
uniform tissues.

Digital ductography development

The functional part of the breast is the glandular tissue which is found in 15-20 lobes which radiate out
from the nipple. Each lobe is drained by its central duct which exits from the nipple. Almost all breast
cancer occurs in the glandular tissue, and a significant proportion is intraductal. Therefore, being able to
find and map the ducts might greatly increase the efficacy of B mode ultrasound for breast cancer
screening and diagnosis. Display of the ductal tree in 3D, while panning through the gray scale images
should be a significant aid to orientation and anatomy. At the least it will facilitate registration of serial
volume image sets of the breast.
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SEMIAUTOMATIC REGISTRATION OF VOLUMETRIC
ULTRASOUND SCANS
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Abstract —We dernonstrate the ability to register easily and accurately volumetric ultrasound scans without
significant data preprocessing or user intervention. Two volumetric ultrasound breast scan data sets were
acquired from two different patients with breast cancer. Volumetric scan data were acquired by manually
sweeping a linear array transducer mounted on a linear slider with a position encoder. The volumetric data set
pairs consisted of color flow and/or power mode Doppler data sets acquired serially on the same patients. A
previously described semiautomatic registration method based on maximizing mutual information was used to
determine the transform between data sets. The results suggest that, even for the deformable breast, three-
dimensional full affine transforms can be sufficient to obtain clinically useful registrations; warping may be
necessary for increased registration accuracy. In conclusion, mutual information-based automatic registration as
implemented on modern workstations is capable of yielding clinically useful registrations in times <35 min.
© 1999 World Federation for Ultrasound in Medicine & Biology.

Key Words: Ultrasound, Mutual information, Registration, Volumetric, affine, Thin plate spline warping.

INTRODUCTION examinations can be approximately equalized, registered
serial examinations can be subtracted to emphasize
changes. Such differential approaches could be espe-
cially important when serially monitoring patient re-
sponse to chemotherapy or radiation therapy.

Although such automatic registration methods for
ultrasound data sets may be desirable, there are prelim-
inary reasons for caution in expecting automatic methods

There are potentially many reasons why ultrasound
examinations might benefit from registration. Images
from different transducer positions are at least partially,
if not fully, uncorrelated, and summing them can signif-
icantly improve the contrast-to-speckle noise ratio.
Doppler color flow acquisitions suffer from undetected
flow where the flow is parallel to the transducer’s face.

Volumes collected from different viewing directions to function well. Such reasons include the ubiquitous
may detect such missing flow vectors, and registration speckle noise and attenuation artifacts such as “comet
across acquisitions can assist in computing flow velocity tails” of either shadowing or enhancement. Attenuation
vectors that are consistent across different views. Per- artifacts that present differently in each of the data sets
haps the most important reason to register ultrasound depending. on transducer orientation may compromise
data sets is to assist the comparison of serial examina- chances of successful registration for any automatic
tions performed on the same patient. Presenting two- method. An additional source of inconsistent features
dimensional images from different serial examinations comes from strong coherent echoes that are observed
with the same orientation and partial volumes may help from structures large with respect to wavelength when
the clinician more easily to distinguish what has observed in an orientation normal to the reflecting sur-
changed. To the extent that echogenicities from different face. Thus, coherent echoes as well as shadows in dif-

ferent data sets are often sources of inconsistent geom-
etry when the data sets were acquired using different
Address correspondence to: Charles R. Meyer, Department of

Radiology, University of Michigan Medical School, Ann Arbor, MI tranSdl'lcer on‘er.ltatlor'ls. Refraction, i.e., ray bendmg’
48109-0553, USA. E-mail: cmeyer@umich.edu may yield additional inconsistencies.
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Fig. 1. A simplified two-dimensional example of the registration process is illustrated. (a, b) Two “multimodal” images
in which the user has poorly chosen approximate homologous points. (c) Geometric registration that maps the
corresponding markers onto each other after the user’s initialization, but before automatic optimization begins. After
initialization, although the markers are perfectly aligned, the images are still misregistered. (d) Resulting final
registration obtained by the optimizer’s driving the locations of the homologous points in (b) to minimize the cost
function, —I, i.e., maximizing I. (¢) Note that the position of the upper marker in (b) has been moved by the optimization-
process to a new position. (Reproduced with permission from Oxford University Press from Medical Image Analysis
1997;3:195-206.)

The following paragraphs describe the use of a
semiautomatic registration technique that appears to be
capable of registering ultrasound data sets based on the
preliminary information presented herein. The term
“semi” qualifies the description of the otherwise totally
automatic method because the initial pose between the
two data sets must be set by the user. At present, the
authors are unaware of any semi- or fully automatic
registration algorithms that have been applied success-
fully to ultrasound data volumes. A recent review of
registration techniques in general can be seen in Maintz
and Viergever (1998).

METHODS

Volumetric ultrasound data were acquired using a
9-MHz linear array clamped to a linear slide and position
encoder on a hand-held frame (Fenn et al. 1997). The
transducer manually was swept across the tissue of in-
terest in a direction normal to the linear array’s scanning
plane. Accuracy of beam position measurement relative
to the scan frame was 0.1 mm in the focal plane of the
transducer. Data volumes on a uniform Cartesian grid
were created by trilinear interpolation between acquired
images from known positions.

Pairs of such ultrasonic volumes were registered
using a method that requires an initial rough guess of the
orientation between the two data sets. As can be seen
later in the Results section for the random void phantom,
the initial orientation may be far from accurate, but will
still within the capture range of the algorithm and result
in an accurate registration. The initial, approximate ori-
entation is computed by having the user position a min-
imum of three corresponding point pairs in each data
volume. One of the data sets is chosen by the user as the
reference data set, and the other data set, which will be
geometrically transformed onto the reference, is referred

to as the homologous set. Points in both sets are depos-
ited by clicking the computer’s mouse as the cursor is
positioned manually over similar-looking, three features.
Then, under automatic control df the optimizer, the first -
three points in just the homologous data set are moved to -
recompute different geometric orientations of the homol-
ogous data set with respect to the reference data set. The
points in the homologous data set are referred to as
control points, because the geometric orientation be-
tween the two data sets is changed to satisfy the homol-
ogy defined by the control points. The automatic opti-
mizer repeatedly perturbs the loci of the control points in
the homologous data set, such that the resulting mutual
information, as computed for ail voxels in the reference
volume and all corresponding voxels in the homologous
volume, is maximized to yield the final computed regis-
tration model between the two data sets (Collignon et al.
1995; Meyer et al. 1997; Studholme et al. 1997, Vicla
and Wells 1995; Wells et al. 1996). Figures 1, 2, and 3
help visualize the interplay among the control points, the
computation of mutual information, and the recursive
optimizer algorithm,

The entropy of a data set is defined as its average
information content, whereas joint entropy is the average
information of two ordered data sets. The joint entropy
H(a,b) of two data sets, a and b, is related to mutual

. information of both, I(a,b), by the following classic re-

lationship:
H(a,b) = H(a) + H(b) — I(a,b) (1)

where H(a) and H(b) are the individual entropies of data
sets a and b, respectively (Papoulis 1984). As can be seen
in the classic relationship, mutual information I(a,b) is
the amount by which the sum of the individual data set
entropies must be reduced to account for correlations that
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Fig. 2. Two-dimensional joint histogram constructed by raster scanning through all voxels in the reference image $et and

incrementing bin counts corresponding to the gray-scale values from geometrically mapped voxel pairs under an

assumed geometric transformation, which changes with each iteration of the optimizer. (Reproduced with permission
from Oxford University Press from Medical Image Analysis 1997;3:195-206.)

exist between the two individual data sets (H and I are
non-negative). The previous expression defining mutual
information in relation to entropies reduces to the fol-
lowing equation for mutual information in terms of the
more fundamental probability density functions for data
sets a and b:

Iab) = J' j da db p(a,b) log(p(a,b)/p(a) p(b)). @

The initial geometric transform model optimized
via moving the initial three control points is the simple,
rotate-translate (six degrees of freedom) transform. In a
subsequent optimization, the parameters for a full affine

(linear, 12 degrees of freedom) transform are estimated
via four control points (the three previous plus one new
control point positioned automatically into the homolo-
gous data set using the previously optimized rotate—
translate transform). Finally, if desired, repeated thin.
plate spline (TPS) warpings are computed using five or
more control points as necessary, where the prévious full
affine optimum transform is used to instantiate the addi-
tional control points. In this manner, the mutual infor-
mation is optimized at each stage of increasing geometric
model complexity, while requiring the user only roughly
to estimate approximate geometric homology for the
three initial points. The additional control points beyond
the first three, which eventually are mapped into the
homologous data set, initially are placed in the reference

User I —l
Init: Move
Select "homol-
approx- Compute im(ion;r;;: q Construct 2D Is -1 ogous”
imate geometric |~ mrgppe d ' H»Histogram and minimized? control
cc.mtrcfl mapping data set pair compute -I poin?s
points in according
both to opti-

data sets mizer
algorithm

Fig. 3. Functional flow chart of the automatic registration algorithm for one optimization cycle. The process is repeated

using the previously computed optimized control point positions as the new starting vector, until the incremental change

in mutual information between cycles falls below a user set threshold, typically 0.0002 bits. (Reproduced with
permission from Oxford University Press from Medical Image Analysis 1997,3:195-206.)
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Fig. 4. (a) Image from the red channel of a color flow volume breast examination. (b) Pseudocolored image of (a).

Lowest echogenicities are represented by dark blue, intermediate echogenicities by green, and highest echogenicities by

bright red hues. Color mapping relationship is explicitly demonstrated in the attached gray-scale and color bars. (c)

Power mode data corresponds to same loci as the color flow slice of a following registration. (d) Composite image

constructed using “screen door” transparency, where adjacent pixels alternate between the color and gray-scale sources
+ of (b) and (c).

data set by the user, without identification of correspond-
ing positions in the homologous data set.

Uniformly sampled data volume sizes are approxi-
mately 400 X 350 X 55-100 voxels depending on the
manual acquisition; voxel volumes are typically 80 X
80 X 200 um’. The registrations computed herein use
decimated reference data sets to speed computation. Dur-
ing the initial use of the rotate-translate model, only
every fourth voxel in the three major coordinate direc-
tions is used in the reference data sets. Each optimization
cycle stops when the controller requests control point
movements of less than some user chosen criterion,
selected here-as 0.1 mm, in each coordinate direction.
The optimizer is the standard Nelder simplex algorithm,
often referred to as “amoeba” (Press et al. 1988). Opti-
mization cycles are repeated until the mutual information
increment in the last cycle is less than or equal to another
user chosen criterion, selected here and for almost all
other modality pairings as 0.0002. After computing the
optimal forward transform, which maps the homologous
data set onto the reference, the high-resolution mapping
of every voxel of the reference data set onto the homol-
ogous is computed once, using the inverse transform.

RESULTS

The first registered volumetric data set pair shown
in Fig. 4 consists of color flow and power mode Doppler
data sets acquired serially during the same patient exam-
ination visit. A three-dimensional, nine control point (27
degrees of freedom) thin plate spline warping was com-
puted in 31 min of CPU time on a 200-MHz DEC Alpha
workstation, model 3000/500x, using a total of 1552
iterations (where each iteration consists of calculating
the geometric transformation, reconstruction of the
mapped homologous gray-scale volume, joint histogram,
and resulting mutual information) . The red channel of
each data set pair was used to compute the geometric
mapping. Although radiologists commonly avoid the use
of pseudocolored images, suach composite images assist

_ in visualizing the results of registration. Display of the

registered data sets as shown in Fig. 4d enhances visual
differentiation of the individual image sources and facil-
itates the visual assessment of registration accuracy at all
locations in a single image.

Figure 5 allows the reader to assess the accuracy of
the volumetric registration over a large volume of sup-
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Fig. 5. View of the registered color flow and power mode volumes visualized on three orthogonal, intersecting cut planes
using a color composite rendering method that approximates the screen door transparency shown in Fig. 4d. The
observer’s viewpoint presented here is one of looking back at the transducer from a distal position deep within the breast
(top of the image is still patient’s anterior). The cut plane whose orientation is nearly perpendicular to the viewer is the
same image as that shown in Fig. 4d, where the underlying gray-scale image represents one of the (high resolution)
acquisition planes of the color flow data volume. The intersecting cut plane across the top of the volume renders the
registration at a constant, shallow depth below the transducer (C-mode), and the remaining cut plane right of center
renders a slice of the registered volume below the line traversed by a single transducer element during the manual sweep
of the transducer. The color bars that define the pseudocolor conversion for the reference scan is visible on the reader’s left.

port. The color composite display computes the relative
color contribution to each voxel, based on a linear com-
bination of the intensities of the voxels of the two reg-
istered input volumes. The orthogonal cut plane method
of display was chosen because of its clarity, intuition,
freedom from confusing intervening structures, and the
ability simultaneously to display spatially diverse, three-
dimensional locations. '

Figure 6a demonstrates the effects of the computed
geometric warping, by applying the same warping to a
rectilinear grid occupying the power mode volume. Fig-
ures 6b—6d show views of the deformation from the
right, front, and top, respectively. Note that the major
component of the geometric transform is a simple affine

transformation, as best seen in Fig. 6d, where the volume
has been sheered to the left as a function of distance
away from the observer, i.e., transducer position. Upon
closer inspection, a nonlinear warp can be observed in the
front central section of the volume, the same region occu-
pied by the lesion, indicating that, during the second scan,
the lesion moved differently than the surrounding tissue.
The second pair of registered volumetric data sets
presented here consists of two power mode Doppler data
sets acquired on the same patient and separated by 45 d
during chemotherapy for locally advanced infiltrating
ductal carcinoma. In contrast to the previous case, the
registration model’s complexity was capped at the level
of the full affine (linear, 12 degrees of freedom) trans-
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Fig. 6. (a) Computed geometric warp of the power mode volume is demonstrated by applying the same warp to a
rectilinear grid occupying the initially undistorted power mode volume. (b, ¢, d) Views of the warped deformation from
the right, front, and top of the scanned volume, respectively.

form due to the resulting excellent overall accuracy, as
determined visually. Computing this transform from the
initial rough estimate required 909 total iterations over
the period of 11.3 min. As in the previous case, the red
channel of each pair was used for computing the geo-
metric mapping and display of results. Figure 7a shows
three orthogonal cut planes’ through the registered data
set volumes, as visualized from a position above the
transducer looking deeper into the scanned volume. Note
the shear (most appreciated on the plane nearly perpen-
dicular to the viewer) required to register the data sets.
Figure 7b is a single slice of the more recent data set, and
Fig. 7c shows the data from the earlier scan correspond-
ing to the geometry of the slice shown in Fig. 7b obtained
after volumetric registration. Because the two cases were
performed with nearly equivalent depth-gain compensa-
tion, equalization of the echogenicities of both scans was
trivially achieved using linear gray-scale contrast adjust-
ment. Figure 7d demonstrates the signed difference be-
tween the two scans, where the yellow hue represents
differences of positive sign, the blue hue represents dif-
ferences of negative sign, and the intensity for each hue
is proportional to the magnitude of the difference. Al-

though some bright, horizontal, linear, coherent struc-
tures clearly are represented in the difference image, a
lower contrast echogenic structure also is visualized (ar-
row), i.e., present in the earlier data set but missing in the
later volume.

In addition to the two breast data sets presented
herein, we include results from scanning a commercially
available, random void phantom in two different orien-
tations. The phantom is made by Computerized Imaging
Reference Systems, Inc. (Norfolk, VA, USA) and con-
sists of two slabs of randomly placed spherical voids
surrounded by a random scattering medium having an
attenuation of 0.5 dB cm™! MHz ~*. One slab consists of
5-mm diameter voids, and the other consists of 3-mm
diameter voids. The two slabs are separated by a voidless
slab consisting of the same random scattering medium
used to surround the voids in the other slabs. Scattering
from the voids averages 14 dB down from the surround-
ing random scattering medium. Nylon fibers run parallel
to the slabs at depth ranges of 2 and 6 cm.

One volumetric scan acquisition was made by man-
ually translating the transducer parallel to the sides of the
phantom and, thus, parallel to the wall of spherical voids

e
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Fig. 7. (a) Orthogonal cut planes through the registered power mode data set volumes from serial examinations
visualized from a position above the transducer looking deeper into the scanned volume. The pseudocolored volume was
acquired 45 d earlier than the gray-scale volume. (b) Single slice of the more recently acquired data set. (c) Data from
the earlier scan corresponding to the geometry of slice (b) after volumetric registration has been implemented; (c) also
is visible as the pseudocolored component in (a). (d) Signed difference between (b) and (c), where the two hues represent
differences of opposite sign, whereas intensity of each hue is proportional to the magnitude of the difference. In the color
bar, a difference of +127 is represented by bright yellow, a difference of zero is black (center of bar), and a difference
of —128 is bright blue.

with the transducer held approximately perpendicular to
the phantom’s surface. The second scan was taken by
reorienting the translation path 45° to the initial position
using a draftsman’s triangle. Thus, in the second scan,
the transducer remained approximately perpendicular to
the phantom’s surface, whereas the path of the translated
transducer crossed the wall of voids diagonally. The
initial poor placement of the starting markers was inten-
tional, to demonstrate to the reader how severe misreg-
istration of features appears (Fig. 8a) using the display
technique shown in Figs. 4 and 5, where blended pseudo-
color and gray-scale scans demonstrate the large capture

]

o

range of the automatic registration algorithm. Note that
the bright gray-scale line in the homologous data volume
represents the same nylon fiber in the phantom as the red
pseudocolor line in the reference volume. The angular
misregistration is readily apparent between the two data
sets. Note that the voids appear to be filled with higher
level scattering, due to the misregistration of the two data
volumes.

The results of the final registration are presented in
Fig. 8b. The linear nylon fiber in the homologous data set
has been superimposed with the red pseudocolored ref-
erence data volume fiber. The linear fiber superimposi-

]
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Fig. 8. (a) Initial pose of the 45° diagonal scan of void phantom in
gray scale with 0° reference scan in pseudocolor is displayed on
three orthogonal planes through data volume. Note the filled
appearance of the voids as well as the lack of alignment of the
linear nylon fiber in this initially misregistered pose. The reference
data set is shown in pseudocolor, with the same color conversion
relationship used previously. (b) The same display of reference
data set shown in (a) after automatic registration of the volumetric
45° scan with the reference 0° scan. Note that, after registration,
the voids have more contrast, because they are not inappropriately
filled with misregistered scatterers, and the nylon fiber in the 45°
scan is nearly collinear with its position in the reference volume.

tion is nearly perfect to the viewer’s right, whereas a
slight misregistration can be observed to the viewer’s
left, as a partial separation of both bright gray and red.
This slightly visible error correlates well with the com-

Volume 25, Number 3, 1999 .

puted angles of —1.0°, —45.4°, and —0.5° for 6,, 6y, and
0,, respectively, of the rotate-translate approximation to
the computed full affine geometric transformation ma-
trix; we would expect 0°, 45.0°, and 0° for a perfect
result. The mutual information of the initial pose was
0.064 bits, which was optimized to 0.229 bits in 17
cycles of 1025 total iterations under the rotate-translate
geometry model, and finished at 0.383 bits after 16
additional cycles consisting of a total of 1869 iterations,
using the full affine geometry model. It is worth noting
that simple low-pass filtering of the two data sets signif-
icantly speeds the convergence of the registration algo-
rithm, by reducing the grand total of all iterations to

1200, which require total compute times <9 min on a

433-MHz DEC Personal Alpha workstation.

DISCUSSION

Volumetric registration was computed in all cases
using a full affine transform as the first endpoint. If the
resultant registration was judged by visual inspection to
be flawed in local regions, a higher degree of freedom
geometry model, i.e., warping, was computed. Thus, the
thin plate spline warping of the data set associated with
Figs. 1 and 2 was implemented using both a number, i.e.,
nine, and placement of control points that resulted in a
better global solution. The improved accuracy of the
registration resulting from warping was determined both
visually and quantitatively by the increase in the final,
optimized mutual information, i.e., a significant 27%
increase in I was observed from 0.805 for the full affine
solution to 0.827 for the nine point TPS solution. The
presence of a small mass with different elastic modulus
than the surrounding tissue is suggested by observing the
nonlinear warping depicted in Fig. 3, because the com-
puted tissue deformation indicates a local rotation. This
rotation could have been in response to the overall de-
formation caused by the pressure of the transducer on the
skin in the process of scanning.

For the case of the void phantom, although the error
associated with 6, was <0.5° from the expected value of
45°, the error of 1° in 6, can be explained by our inability
accurately to mount the transducer perpendicular to the
plane of the manual translation baffle. Any deviation
away from 90° in the angle subtended by the rotation of
the autoscanning plane of the transducer into that of the
manual scanning baffle, i.e., 0,, will require compensa-
tion by both 8, and 6,, depending on the rotation im-
posed on 8,. Additional registration accuracies using
phantom data from computed tomography, magnetic res-
onance imaging, and positron emission tomography, are
available in Meyer et al. (1997). Although no prepro-
cessing was necessary for the phantom data to obtain
accurate registrations, a >50% decrease in registration
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time was obtained by low-pass filtering the input data
sets before registration. Such behavior should be ex-
pected, because low-pass filtering increases the long
range correlations in the data sets and smoothes the
resulting cost function, such that convergence can be
obtained without entrapment by many local maxima.

Because bright, linear structures in the scanned vol-
ume occur when the transmitted beam is perpendicular to
an echogenic surface, a lack of overlapping alignment of
such linear structures is expected, due to the variation in
transducer angles used to acquire the different volumes.
Conversely, good registration of less inténse, incoherent
backscattering structures is expected and should be used
as an independent visual evaluation tool for qualitatively
judging the accuracy of the registration.

The robust behavior of the previously developed
mutual information for automatic multimodality image
fusion (MIAMI Fuse) registration algorithm (Meyer et
al. 1997) for these pairs of same-modality, ie., ultra-
sound, data sets was a pleasant surprise. No preprocess-
ing of the data sets, such as speckle reduction, was
necessary, and the resulting registrations were of excel-
lent quality and were obtained in relatively short times.
Even the demanding task of warping using nine control
points, Le., 27 degrees of freedom, yielded accurate,
repeatable registrations, a feat even the authors initially
considered as unlikely.
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Appendix 2
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Normalizing Fractional Moving Blood Volume
Estimates with Power Doppler US: Defining

a Stable Intravascular Point with the Cumulatlve
Power Distribution Function'

J. Brian Fowlkes, PhD

PURPOSE: To normalize the power
Doppler ultrasound (US) signal to
the expected signal from 100% blood
in the calculation of a fractional mov-
ing blood volume estimate.

MATERIALS AND METHODS: To
locate the signal from flowing blood
with a consistent backscatter coeffi-
cient, the authors estimated the knee
of the cumulative Doppler power
distribution function. They used a
flow-tube phantom to test the use of
this knee to locate a radial position
that would fall into a region of high
shear stress and minimal rouleaux
formation. They also studied how
well the method normalized frac-
tional moving blood volume esti-
mates of the right renal cortex in a
volunteer when simulating different
body habitus and in a group of six
healthy volunteers to estimate vari-
ability.

RESULTS: Over five flow velocities
and over undersaturated to severely
oversaturated receiver gains, the cal-
culated flow-tube area was a mean
89% = 7 (% standard deviation) of a
standard. In humans, the technique
normalized the fractional moving
blood volume estimates over an 8-dB
receiver gain variation; the mean *
standard deviation of fractional mov-
ing blood volume estimates for the
six volunteers was 37.6% = 3.6.

CONCLUSION: Vascularity esti-
mates with power Doppler US are
feasible with a normalization scheme
based on the cumulative Doppler
power distribution function.

ATHOUGH of substantial interest,
ultrasound (US) Doppler vascu-
larity measurements have been used
on a variable basis in several organ
systems (1-4). They have generally,
but not exclusively, been based on the
counting of color pixels in standard
color Doppler US scans and have been
used clinically most frequently to as-
sess tumor vascularity in the breast
and prostate (5-13). The choice of
these organs is informative, because it
reveals one of the greatest shortcom-
ings of US vascularity assessments:
their depth dependence. In all of the
examples in which quantitation has
been used, either the target is superfi-
cial or the transducer has been posi-
tioned very closely to the area of inter-
est. This is because vascularity is
assessed by counting the number of
color pixels in a given region, and

anything that alters color pixel count

will affect a vascularity assessment.
Unfortunately, the density of blood
vessels, the quantity one wishes to
measure, is only one of the factors that
influences the color pixel count. Major
contributors to this measurement are
attenuation, aperture size, or any
other property that alters the strength
of the backscattered echoes. Given
identical tissue samples, their vascu-
larity at US will change the deeper in
the body they are located. The closer a
tissue is to the transducer, the more
vascular it will appear. For example,
flow in ovaries may be very hard to

detect transabdominally and yet very
easily seen transvaginally. The vascu-
larity detection improvement is due
primarily to a reduced attenuation
path in the latter, which yields some
combination of higher signal and -
which allows the use of higher fre-
quency transducers (14). Because of
this very definite attenuation effect,
vascularity measurements with US
are tricky to make and interpret.

A potential solution to this problem
does exist. If one can identify an object
of known vascularity or blood vol-
ume, one can use the Doppler power
in that object to normalize the values
in the surrounding tissue (15-17). If
the tissues of interest are near enough
to the known object, the fraction of the
Doppler power in the surrounding
tissue relative to the standard can be
used as a vascularity estimate. This
process effectively compensates for
any attenuation or transducer beam
profile effects. Because blood vessels
contain 100% blood, objects of known
vascularity exist throughout the body
and could be used to normalize vascu-
larity measurements. We will call such
measurements fractional moving
blood volume estimates (17).

There is one problem, however, that
has to be overcome before this method
can be applied. The problem arises
because the backscattered signal from
blood is variable owing mostly to the
degree of rouleaux formation (18-22).
The reason for this is that rouleaux

Index terms:  Blood, flow dynamics, 9+.12983% « Blood vessels, US, 9+.12983 + Ultrasound (US),
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effectively increases the size of the
scattering units in blood. Clumps of
red blood cells will backscatter more
ultrasound energy than will indi-
vidual cells, which makes areas of
vessels with more rouleaux have
stronger Doppler signals than those
with less. This effect is most pro-
nounced when comparing the Dopp-
ler power in the center of large blood
vessels with the Doppler power in the
edges. There is typically much more
signal amplitude in the center of the
vessels owing to increased rouleaux
formation (23). The higher shear rate
and shear stress near the vessel wall
apply more force to separate rouleaux
clumps of red cells. The magnitude of ,
the shear rate, which is directly pro-
portional to the shear stress, depends
on the velocity profile (24). For a para-
bolic flow profile, the shear rate and,
thus, the shear stress are directly pro-
portional to the radius (20). Hence, for
a 1-cm-diameter vessel, the shear rate
at the wall will be 10 times that 0.5
mm from the center of the vessel. For
near plug flow, the shear rate at the
wall can be arbitrarily high. Because
of this variation in the appearance of
blood flow, one cannot just identify a
blood vessel, obtain a normalization
value, and calculate a fractional mov-
ing blood volume estimate at a given
depth. A more sophisticated technique
is required.

It is known that smaller vessels
have greater shear than do larger ves-
sels for a given mean velocity (25).
Because we would like to normalize
vascularity by the power that corre-
sponds to 100% blood in tissue, where
the blood vessels are small, a value
outside the region of high rouleaux
would be appropriate. Because of a
condition of no slippage at the wall or
boundary, there is no flow immedi-
ately adjacent to the wall of a vessel.
Hence, the “correct” normalizing
value lies somewhere between the
high value in the center of a vessel
and the zero value at the wall.

To perform a fractional moving
blood volume estimate, we first calcu-
late a cumulative Doppler power dis-
tribution function over the region of
interest (see below). We then identify
the knee of the cumulative Doppler
power distribution function. This knee
is used in an algorithm to define a
boundary point within highly vascu-
lar areas in which we will search for a
normalization value. The knee of this
distribution is a reasonable choice for
segmenting a population into two
groups, which is similar to what is
done in segmenting populations in
receiver operating characteristic

758 * Radinlnovw

analysis (26,27). Once the normaliza-
tion value is measured, we use that

value to determine the fractional mov-

ing blood volume estimate in tissue.

We performed this study to normal-

ize the power Doppler US signal to
the expected signal from 100% blood
in the calculation of a fractional mov-
ing blood volume estimate. We used
this technique to compensate for
depth, attenuation, receiver gain, and
machine variability. Ultimately, we

believe that the results strongly sug- -

gest that this technique could be gen-
erally used to assess vascularity in
tissues. )

MATERIALS AND METHODS
Definition

The cumulative Doppler power distribu-

tion function is the integral of the histo-
gram of the Doppler powe.s within a re-
gion of interest (28). It is defined in a
discrete sense as

N(p) = 3

i

=

n(i),

(=]

where n(i) is the number of pixels with the
ith power value and N(p) is the total num-

ber of pixels with power values less than
or equal to p; that is, { < p. Because this is
an integral of the histogram, the cumula-
tive Doppler power distribution function
has some nice random noise-suppressing
properties that make it an interesting can-
didate for finding a normalization value.
In a cumulative distribution, fluctuations
are referenced to the entire display range,

whereas with a standard histogram, being

the derivative of the cumulative distribu-
tion, fluctuations are seen relative to lo-

cally changing values for which any varia-

tion is a much larger percentage.

Phantom Studies

We designed a flow-tube experiment to
- evaluate the boundary-detection proper-
ties of the cumulative Doppler power dis-
tribution function. The tube consisted of
an elongated balloon of 5.5 mm in diam-
eter in a fluid bath. The balloon was
draped across a sound-absorbing pad to
suppress reverberations. Flow in the bal-
loon was generated by using a pulsatile
pump (Harvard Apparatus, South Natick,
Mass) with a 70% duty cycle and 50
strokes per minute. Before reaching the
balloon, the fluid passed through a long
segment of compliant gum rubber tubing

that made the flow nonpulsatile. Degassed

water that contained corn starch particles
(0.5 g per liter of water) as scatterers was
run through the balloon. To simulate real

flow-containing tissue, we put cross-linked

‘dextran beads (Sephadex particles; Sigma
Chemical, St Louis, Mo; 20-80 pm diam-
eter at concentrations of 0.0373-0.2372

g/L, depending on the background Dopp-

*. ler power level) into the bath outside the

balloon. By stirring the bath, we could in-
troduce a Doppler shift in the medium
and generate Doppler power in the back-
ground similar to the effect of tissue that
contains flowing blood. The quantities of
cross-linked dextran beads and corn starch
were selected so that the tube always visu-
ally had more power than the water bath
at each flow setting, thus simulating a ves-
sel surrounded by flowing blood within
perfused tissue. We made three measure-
ments at each flow rate investigated (Table
1). These three measurements were made
with low gain to simulate a weak signal
deep in tissue, optimal gain (see below)

to simulate tissue that was superficial
enough or vascular enough to supply suf-
ficient signal, and high gain in which the
signal in the tube was saturated to simu-
late bad technique or the presence of con-
trast agents.

To define the gain settings for the flow-
tube measurements in testing the cumula-
tive Doppler power distribution function
algorithm, we had to define what low
gain, optimal gain, and high gain would
be. We used VST US scanners (Diasonics,
Santa Clara, Calif) to make the measure-
ments. We used a 10-MHz linear-array
transducer (Diasonics) with a 6.0-MHz
Doppler frequency. The angle of the scan-
head to the tube was 22° to generate a
Doppler angle. We measured signal
strength and saturation level by assigning
a green-tag value to Doppler power mea-
surements. Each green-tag step defined by
the manufacturer corresponded to 0.4 dB.
We set the saturation level such that the
highest green-tagged pixels in the flow
tube were within three click steps of the
highest decibel level, 24 dB. This corre-
sponded to having the highest pixel values
in the flow tube be no more than 23.2 dB
on the 24-dB scale, which represents the
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Figurel. Cross-sectional US image of corn-starch—containing flow tube (T) in a water bath

(B) that contains cross-linked dextran beads. The water bath was manually stirred to generate a

Doppler signal, represented in yellow, and simulated viable, blood-perfused tissue. The tube,
which represents a blood vessel, corresponds to 100% blood and, hence, has more Doppler

power than the water bath, which simulates less vascular tissue. This is demonstrated as a tube

brighter than the water bath in power mode. The outer margin of the blue outline of the flow
tube marks the boundary of the tube, as calculated by using the automated boundary detector.
The blue line is actually thicker than the true boundary threshold for purposes of display. The
blue pixels equal the set of all pixels in the image, such that threshold = pixel value =< thresh-
old + 0.9 dB. Note that there are regions in the water bath that also either are surrounded by
blue or are blue. These correspond to potential areas of 100% blood in tissue. The black area
behind the tube and water bath is the top of the sound-absorbing rubber pad. Also note that
there is a blue ring in the color wheel in the upper left-hand corner (arrow). The area of the
wheel that is located between the blue ring and the outer edge represents the portion of the
entire power dynamic range that is assigned to 100% blood in this particular trial.
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Figure 2. Cumulative distribution for one of
the phantom flow experiments. The plot shows
the three best-fit lines used in the two-tangent
technique. The global best-fit line (solid arrow)
intersects the distribution at two points. A tan-
gent line is defined at each intersection point,
and the intersection of the tangents (open arrow)
defines the position of the knee. This technique
clearly underestimates the position of the knee.
This particular plot was for one of the under-
saturated experiments, which is why it does not
extend to 24 dB. ‘

dynamic range of the power-mode signal.
When the Doppler gain was set such that
the pixels with the highest power in the
image fell into this range, the settings were
considered optimally saturated. We then

_ set the saturation limit in a range that was

clearly undersaturated (5-7 dB), below the
optimally saturated setting, and finally set
a range in which the Doppler power in the
tube was clearly oversaturated (5-7 dB
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above optimal saturation). A representa-
tive image from each flow run was stored
digitally to the hard disk on the scanner
and transferred to an image analysis pro-
gram (Avs; Advanced Visual Systems,
Waltham, Mass) for analysis.

The boundary of 100% blood as seen
with the ultrasound beam in the flow tube
was identified by using a cumulative dis= -
tribution based on the entire data set and
was compared to an observer-traced pe-
rimeter of the tube, which was considered
the standard of reference (Fig 1). To define
the region over which the cumulative dis-
tribution was taken, an observer first
traced the entire area of the stored image
of the tube and the water bath, with the
exclusion of the sound-absorbing rubber
pad. The pad was excluded because, hav-
ing no “flow,” it would bias the measure-
ment by introducing a structure that was
much different from the paradigm of inter-
est, that is, blood vessels and background
tissue with flow. A cumulative distribution
was calculated on the basis of the power
values within this enclosed region. The
knee or point of maximum curvature of
the distribution was then subjectively se-
lected on the cumulative distribution
curve for each flow measurement. We used
the visual estimate of the knee of the dis-
tribution for this calculation because it was
deemed to be the best estimator of that
point. To compensate for variability, we
selected a range of about =1 dB about the
selected threshold and calculated the areas
within these limits. Of course, this method
of detecting the threshold would not work
in practice; therefore, we developed tech-

niques for automating the location of the
knee (see below). For this part of the study,
however, it was thought that our best esti-
mate of the knee, the visual estimate, was
the most appropriate to use.

An observer then traced the tube as a
standard of reference for comparison with
the cumulative distribution-selected
boundary. The tube was traced three times
at each flow setting, the area calculated
with each traced perimeter, and a mean
area calculated for the tube. The mean
areas for the cumulative distribution—
detected region and for the manually
traced region were then compared.

Automated Distribution
Determination

To implement a fractional blood volume
measurement in vivo and to make more
objective measurements, we wanted to use
automation to calculate the position of the
knee of the distribution. We used two tech-
niques, each of which was initiated in the
same way. A best-fit line was first plotted
through the distribution by using a stan-
dard least-squares techrique. For the first
technique, the points of intersection of the
line with the distribution were located,
and tangent lines parallel to the cumula-
tive distribution curve were drawn at the
points of intersection. The intersection of
these two tangent lines defined the knee of
the cumulative distribution. The points of
intersection were determined by taking the
difference between the cumulative distri-
bution value and the calculated estimate,
which was accomplished by using the
best-fit line for each successive power
value. For those points at which the sign of
the difference changes, there must be an
intersection between the best-fit line and
the distribution between that point and its
neighbor, either one of which could be de-
fined as the intersection for the purposes
defined here. The tangent lines were em-
pirically defined over 21 point regions, the
intersection point * 10 points (Fig 2). (Fur-
ther details are in the Appendix.)

The second method begins as the first,
with fitting of the cumulative distribution
with a best-fit straight line. The distribu-
tion is then rotated about the best-fit line
so that the line falls onto the abscissa. On
the basis of the shape of the cumulative
distribution, this function should have a
negative curvature and there should there-
fore be a global maximum. A global maxi-
mum could then easily be identified and
corresponded to the knee. To account for
noise about the global maximum, a region
of =10 points around this initially identi-
fied global maximum was selected and
fitted with a second-order polynomial. The
power value that corresponds to the peak
of this polynomial could also represent the
knee of the distribution. Although not
identical, this technique is similar to other
methods in which second-order polynomi-
als are used to search for maxima (29).

The tangent method and then the curve-
fitting method, that is, the initial rotated

peak and then the second-order polynomi-
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dl-fitted peak, were then each compared to
the subjective standard of reference for
finding the knees of the cumulative distri-
butions for the tube-flow data by taking a
mean absolute difference between the
measurements.

Human Studies

The human studies were divided into
two phases. The first consisted of the ac-
quisition of multiple scans in one healthy
volunteer at different gain settings to
simulate different body habitus, while the
second consisted of the acquisition of mul-
tiple scans in six healthy volunteers to in-
vestigate variability.

In the first phase, the right kidney of a
single healthy male volunteer (age, 49
years; weight, 76 kg; height, 173 cm) was
scanned on five different occasions. The
studies were performed by using a 3.5-
MHz curved linear scanhead with a pulse
repetition frequency of 1,000, a color
Doppler frequency of 2.5 MHz, and an en-
semble length of 10. The receiver gain was
successively increased from 102 dB to 112
dB in 2-dB steps. Over this range, the im-
ages clearly progressed from highly under-
saturated to highly oversaturated. This
manifested as a lack of flow detection at
the 102-dB setting and as a very bright bal-
looned color display at the 112-dB setting.
Again, this range was used to simulate
scanning a deep structure without the use
of contrast agents. The typical optimal set-
ting for power Doppler, that is, when the
noise floor just begins to break through the
uniform color background (29), was at
about 105-107 dB . During each sampling,
the kidney was scanned longitudinally at
each gain setting by using a region of in-
terest defined by the machine’s color box
that included as much of the near-field cor-
tex of the kidney as possible and at least
half of the renal sinus. Because of the cur-
vilinear shape of the color box imple-
mented with this probe, some liver and
perinephric fat were also included in the
region of interest. The image of the cortex
chosen for analysis at any given scanning
setting was the one that subjectively had

~ the mostkisible blood flow. The first cu-

mulative distribution was taken over the
entire color box, and the knee of the distri-
bution was automatically calculated with
both the tangent and the curve-fitting tech-
niques described above. A green tag was
assigned to all power values equal to or
greater than the value identified as the
knee of the distribution. The technique
that helped identify a knee that resulted in
assigning the greatest fraction of the color
dynamic range to potentially 100% blood,
that is, that resulted in green tagging of the
most pixels, was then used in the next
stage of the algorithm.

A second cumulative distribution was
then taken over only those points selected
in the first run. The knee of this second
distribution was then identified by using
the two techniques described above, and
the value that assigned the largest fraction
of the dynamic range to green was again
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used as the normalization value. This
value became the normalization value for
the fractional moving blood volume esti-
mation, or, equivalently, the lowest Dopp-
ler power that corresponded to 100%
blood. This process is demonstrated in
Figure 3.

A region of cortex in which the frac-
tional moving blood volume was to be es-
timated was then traced within the color
box by using the machine’s tracker ball.
Other than the selection of the size and

- location of the color box itself, this was the

only portion of the examination in which
there was operator interaction. A fractional
moving blood volume estimate was calcu-
lated from this region. The means and
standard deviations of the selected initial
green-tag level were plotted as a function
of receiver gain to show the effect of at-
tenuation and, potentially, body habitus on
the normalization level. Further, a mean
value and a standard deviation of the frac-
tional moving blood volume estimate as a
function of receiver gain were plotted over
the five measurements.

The second phase comprised examina-
tions of six healthy volunteers (one man,
five women; mean age * standard devia-
tion, 34 years * 6 years; age range, 2741
years; mean weight, 78 kg * 22; weight
range, 57-116 kg; mean height, 173 cm +
11; height range, 160-188 cm) by one ex-
aminer (J.M.R.). Each volunteer underwent
scanning on 3 different days without
preparation, for purposes of practicality.
The volunteers were examined by using
the same machines described above, with
optimization of the setting for power
Doppler in the usual manner, that is, the
gain was increased sequentially until the
noise floor just broke through the uniform
background (30). Once the receiver gain
was set, the same process for determining
the fractional moving blood volume esti-
mate in the single volunteer was used. The
means and standard deviations for the
fractional moving blood volume estimates
for each of the volunteers were plotted.

RESULTS
Flow Experiment

The experimental flow runs are
given in Table 1. The area of the tube
detected by using the knee of the cu-
mulative distribution was 89% = 7 of
the subjective boundary. It must be
said that at the highly saturated set-
tings, the difference between the
boundary and the background scatter-
ers in the medium was hard to see,
and the knee of the distribution was
often thought to be a better marker of
the boundary than the standard of
reference. Furthermore, it is obvious
that there was blooming of the flow
tube with increasing gain, which
made the detected boundary move
outward. This corresponded fo a
larger tube area for any given velocity
(Table 1) and is to be expected with

higher levels of saturation. This would
manifest in vivo as enlargement of blood
vessels with increasing gain.

We then compared the different
knee-detecting techniques to see how
well they identified the knee com-
pared with the subjectively chosen
location (Table 2). It is clear that the
tangent method underestimates the
subjectively designated position of the
knee, thereby assigning more power
values to 100% blood. The mean abso-
lute difference between the two tan-
gents and the knee was 0.91 dB. The
second-order polynomial-fitting tech-
nique more closely approximated the
subjectively selected knee: 0.33 dB
for the peak value and 0.30 dB for the
second-order polynomial-fitted peak.

Human Studies

The segmentation values of vascu-
lar structures from the less vascular
background were plotted as a function
of receiver gain (Fig 4). The plot shows a
monotonic decline in the normalization
level as a function of receiver gain.
The slope is significantly different
from zero (95% confidence interval:
—0.996, —0.694). This result is what
would be expected if the knee of the
cumulative distribution were compen-
sating for overlying attenuation and
depth of the organ, that is, body habi-
tus. The weaker the flow signal in
general, the greater the portion of the
dynamic range that may be assigned
to 100% blood. Furthermore, despite
this change in normalization level
with gain, the ultimate fractional
moving blood volume estimate is
largely independent of receiver gain
(Fig 5). This is based on taking a linear
regression and determining the slope
over the 8-dB highest dynamic range
measurements, 104-112 dB, which is
0.00624 (95% confidence interval:
—0.00067, 0.01315). Thus, zero is in-
cluded in the 95% confidence limits.
The addition of the lowest dynamic
range measurement, 102 dB, produces
a significant positive trend in the data,
with a slope of 0.00798 (95% confi-
dence interval: 0.00198, 0.01400). Fi-
nally, scans obtained in the six volun-
teers show the means * standard
deviations of the fractional moving
blood volume estimates one might
expect with this technique (Fig 6). The
standard deviation for any single indi-
vidual can be up to £0.1. This corre-
sponds to approximately a 30% variation
relative to the mean value. However, the
mean of the means * the standard de-
viation of the means for the six volun-
teers’ fractional moving blood volume
estimates is 37.6% = 3.6.
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Figure 3. (a) Longitudinal US image of the renal cortex with near-field hilar vessels in a 49-year-old volunteer. The brighter the orange, the
higher the Doppler power. Blue represents the noise floor or the lowest Doppler power displayed. Notice the large blue area in the near field,
which corresponds to liver (L). (b) Same longitudinal US image as a after the first cumulative distribution has been taken over the entire color
box in a. The green-tagged pixels correspond to those that could represent 100% blood on the basis of the knee of the cumulative distribution
plot for the region of interest, shown in the lower left-hand corner. This curve is typical of the initial in vivo distributions in this study. The cal-
culated position of the knee is marked with an arrow. All pixels with power values equal to or greater than the knee are green. (The highlighted
pixels adjacent to the green-tagged regions are artifacts of photography and are not included in the green-tagged region.) (¢) Same longitudinal
US image as b after the second cumulative distribution has been taken over only those pixels labeled green in b. A second group of pixels, a sub-
set of those in b, is labeled green and represents the final pixels determined to contain 100% blood. They were selected on the basis of the cumu-
lative distribution plot, shown in the lower left-hand corner. The calculated position of the knee (arrowhead) corresponds to the lowest Doppler
power that represents 100% blood; hence, this value is used to normalize all the tissue values in the image. Note that the second distribution
demonstrates a much truer vascular geometry because it has segmented high-shear-rate from low-shear-rate blood flow within large vessels.
Small vessels in tissue will not show up owing to high shear and partial volume averaging with tissue, that is, a fractional moving blood volume
estimate of less than 100%. (The highlighted pixels adjacent to the green-tagged regions are artifacts of photography and are not included in the
green-tagged region.) (d) Same longitudinal US'image as ¢ with the region of the cortex to be measured enclosed by the dotted line. The frac-
tional moving blood volume estimate was calculated over that entire region and is normalized by the value selected in ¢. The fractional moving
blood volume estimate in this case was 37.1% (arrowhead). (Again, the highlighted pixels adjacent to the green-tagged regions are artifacts of
photography and are not included in the green-tagged region.)

DISCUSSION better. With contrast agents on the ho-  the vascular blood volume of the tis-
rizon and power Doppler, it is now sue sample (20-22,31). Furthermore,
The ultimate aim of many flow im-  possible for US to directly display the =~ power Doppler has the potential to
aging techniques is to image vascular-  amount of moving blood in tissue, overcome a major limitation of US
ity or perfusion, and US is no excep- because, unlike standard mean-fre- vascularity measurements. By normal-
tion. The opportunity for US to quency color Doppler, the power in izing power Doppler signals in tissue
display vascularity has never been the Doppler signal is a reflection of against a blood vessel that is in or
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hear a region being evaluated, it is
possible to compensate for the dis-
tance between the transducer and the
region of interest, the attenuation co-
efficient of the overlying tissue, and
the available imaging aperture,
among other things (32).

The problem with this strategy is
that the amplitude of the Doppler
shift signal is highly dependent on
rouleaux formation (18-22), which
makes it impossible to merely select
any point within a large vessel for
normalization. However, by selecting
a normalization value from the region
of high shear near the vessel wall, the
effects of rouleaux can presumably be
minimized. This creates a situation
that approximates that in small ves-
sels in tissue where the shear is high
and rouleaux is low (25).

Hence, a normalization technique
must allow detection of blood vessels
and identification of a position in the
vessels to use for normalizing. The
flow phantom study shows that the
cumulative distribution can find
blood vessels. In fact, it can optimally
find them to within about 0.3 dB rela-
tive to the observer. In the clinical por-
tion of the study, we typically used
the tangent estimate, the poorer of the
two estimating techniques, because it
tended to overestimate the number
of pixels that may contain 100% blood
and thus increased the number of
points included in the distribution.
However, even by using an optimal
technique such as the subjective
method in the flow phantom, regions
still are selected in the “hypovascu-
lar” tissue bath that were identified as
flow-containing (Fig 1). Findings in
the right kidneys studied were similar.
This is not surprising and would be
expected, at least in the first distribu-
tion, given the presence of small blood
vessels inside tissue, which are analo-
gous to the random high signals in
the water bath.

We used a continuous-flow phan-
tom, even though flow in vivo can
clearly be pulsatile. We decided to do
this because power Doppler is gener-
ally highly frame averaged in vivo.
This has the effect of averaging out
the pulsatility in the sampling. Hence,
the nonpulsatile phantom would in
some sense be an estimate of what
happens in this first approximation.
Yet, pulsatility will change the veloc-
ity distribution in a vessel, which will
change the power distribution on the
basis of the shear rate effects, as de-
scribed above. This may require fur-
ther study.

After determining the knee of the
first distribution, we used a second
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distribution to find the normalization
value in vivo. The reason for this is
that, as in the flow phantom, the first

- distribution essentially located the

wall or the neighborhood just outside
of the walls of blood vessels that
would be used for normalization. We
needed to find a value inside the ves-
sels to use as a standard in normaliza-
tion. Thus, the second distribution
over only the vessels accomplished
this.

If we had not included a second
distribution, we would have had the
problem of distinguishing an organ of
normal vascularity. that is located
deep in the body from a superficial
organ with low vascularity. The rea-
son for this is that the first distribution
only basically locates the walls of
large vessels, as shown above. It will
find the walls whether an organ is
deep and normal or superficial and
hypovascular. Because we use an ap-
proximation of the knee as the thresh-
old and this knee is defined relative to
the parenchymal, hypovascular tissue,
dividing this threshold into the tissue
value will give a similar ratio in both
cases. The distinction between a deep
organ and a superficial one does not
lie in the vessel boundaries but is in
the Doppler power of the blood. For
identical vessels, the more superficial,
the more power the blood will have.
This requires that a second distribu-
tion be taken over the vessels them-
selves to actually find a normalization
value representative of the blood in
the vessels. This value is a function of
the vessel depth. We could have just

identified the vessels manually or by

using some other technique and per-
formed a distribution over the vessels
only. Then we would have needed
only one distribution. The first distri-
bution lets us automate the method.
There obviously have to be at least
two points of negative curvature to
find two knees in our process, and it
makes sense that there should be at
least two. The first knee separates the
hypovascular parenchyma from the
blood vessels, and the second knee
separates the high-rouleaux central
portions of blood vessels from the
high-shear margins of the vessels.
There will always be more points in
the first distribution, because it in-
cludes the vessels and the hypovascu-
lar tissue, and, given a large enough
region of interest, the first knee will
dominate and will be the one selected
with our method. Once the vessels
have been segmented out, the method
detects the second knee. If the number
of points included in this second dis-
tribution is small, it may limit the abil-
ity to accurately detect a knee in some
circumstances. We did not encounter
this problem in this study; however,
this may require a change in strategy
when very small regions are being
measured. This effect can be seen in
Figure 3b and 3c: The knee is well
defined in Figure 3b but is not as well
defined, although present, in Figure 3c.
It is clear in this study that we have
not determined where that precise site
in the vessel is or what the true nor-
malization value should be. However,
we have done the next best thing; that
is, we have identified a method that
compensates for the rouleaux and at-
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Figures 4-6. (4) Green-tag threshold for the first cumulative distribution as a function of the receiver gain. These values represent the thresh-
old for those pixels that may contain 100% blood. Only those pixels with higher power values than the threshold will be considered as possibly
containing 100% blood in the algorithm used. The points are bounded above and below by *+1 standard deviation. Notice that the slope is nega-
tive, which means that the lower the gain, which corresponds to weak signal or large amounts of attenuation, the more dynamic the range that-
may be assigned to blood. (5) Fractional moving blood volume estimates as a function of receiver gain in the single volunteer. The points repre-
sent means * 1 standard deviation. (6) Fractional moving blood volume estimates in the six volunteers. The points represent means * 1 stan-

dard deviation.

tenuation problem in a general way.
First, we have shown that the plot of
the initial normalization value with
receiver gain showed a continuous
compensation for different amounts of
signal by setting the normalization
value to different fractions of the us-
able color dynamic range (Fig 4). This
change in normalization compensated
for the varying amounts of backscat-
tered signal received at the different
receiver gains, which corresponded to
increasing amounts of attenuation,
increasing depth, decreasing amounts
of available transducer aperture, or a
combination of these. The slope of the
regression line through the data de-
fined in Figure 4 shows a clear trend,
with a 95% confidence interval that
did not intersect zero. Thus, there was
a distinct and significant decrease in
the proportion of the color dynamic
range that was assigned to 100%
blood as the signal strengthened, or,
conversely, the weaker the signal, the
more of the dynamic range that was
assigned to 100% blood.

This result makes sense if one con-
siders that, if there were no detectable
flow, flowing blood would look like
everything else, and the entire dy-
namic range would look as if it con-
tained 100% blood. The same problem
would also occur in highly oversatu-
rated images, where the gain is so
high that everything, including noise,
is enhanced to look like blood. This
would have created a jump at the high
receiver gain end of the curve if we
had gone high enough. However, at
that point, everything would be satu-
rated and it would be impossible to
distinguish blood vessels from less
vascular surrounding tissue. This is
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unlikely to happen in practice because
the user would immediately recognize
it and turn the gain down, as occurs in
blooming with contrast agents (33,34).
However, the differential blooming
effect of power Doppler is an advan-
tage here, where, unlike in mean fre-
quency color US, the display increase
corresponds to the amount of signal
present. Hence, vessels will still look
brighter than background tissue, even
with blooming (33,34), and our results
suggest that as long as tissue can be
distinguished from large blood ves-
sels, the fractional moving blood vol-
ume estimate method could work in
principle.

Second, once depth dependence of
the transducer beam profile and at-
tenuation are compensated for, the
measurement of the same tissue re-
gion should be identical if the normal-
ization method is working. Figure 5
shows this to largely be the case. The
slope of the regression line through
the data that describe the fractional
moving blood volume estimates for
gain settings of 104-112 dB was not
different from zero to within 95% con-
fidence (35). Hence, when there was
sufficient signal to detect, the method
compensated for the attenuation and
transducer effects, as one would hope.
However, when the data included the
102-dB values, there was a significant
trend. In addition, the variability in
the 102-dB measurement was higher
than that in any of the others. The im-
plication here is that when there is
very little flow to detect, the method
undercompensates and results be-
come more variable. This suggests
that when the signal is weak and is
hardar o detect, the method tends to

locate a normalization value within
the high-rouleaux portion of the flow
stream and would, in a sense, over-
compensate for the lost signal in the
cortex, where the rouleaux effects are
small. This would give a low estimate
because the method would be com-
paring high-rouleaux areas in vessels
to low-rouleaux areas in tissue. At
some attenuation level, the Doppler
signal will be too weak to measure,
and any normalization technique will
fail. One compensating fact is that
when the signal gets very weak, it is

-still possible to compare the measure-

ment to itself (17). Hence, the normal-
ization from day to day may make it
possible to evaluate relative flow
changes in the same organ, even if the
attenuation is high.

Finally, the evaluation of the vohin-
teers without preparation estimated
the potential variability in the method
under scanning conditions. Clearly,
one would like a technique with little
or no variability at all; yet, in some
cases the standard deviation in the
measurements was up to 10%, which
produced a variability relative to the
local mean of approximately 30%
from day to day, even when the signal
was optimized. In these studies, there
was no control for hydration, time of
day, or fasting; all of which could
have influenced the variability. Fur-
thermore, given the single-volunteer
studies, where the variance was
smaller, it may be reasonable to pre-
sume that the variability is the true
variation in the blood flow to the renal
cortex. It is clear to anyone who does
US that there are regions of the cortex
with more flow than others; so, when
performing scanning in the same per-
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son on different days it is possible to
obtain different results.

Will such variability preclude using
this test? We do not think so. First, the
mean values are very close among all
the individuals, which suggests that a
mean value may be usable in any
given case. Thus, taking the mean of
several measurements may give very
- reasonable results. This is exactly
what is done presently with all resis-
tive index measurements. Second,
there can be equally wide variability
among results of other parametric
tests, such as resistive indices, pulsa-
tility indices, acceleration, and accel-
eration times (36-38). Each of these
has found use in the medical commu-
nity. Finally, there are ways to im-
prove the collection on the horizon,
that is, three-dimensional imaging
(16). This method would be perfectly
integrated into a three-dimensional
acquisition system. The segmentation
would be used in the same way, but
the sampling would be more robust.
Given the large set of flows that
would be sampled in the cortex in
three dimensions, the flow variation
in an organ would likely decrease.

Besides the limitations described
above, there are others. As mentioned
above, we have not defined the abso-
lute fractional blood volume in the
kidney. Although the mean values
obtained are within or close to the
published normal levels in the kidney
(39-41), we do not know if those num-
bers measured here are in fact abso-
lute fractional blood volume esti-
mates. This may be true, but it will
likely have litile effect on the clinical
application of such a measure as this.
There are plenty of “indices” that re-
late to physiologic parameters of in-
terest but may not directly measure
them, such as the resistive index (42,43).
Also, there are clearly flows that will
not be included in this measurement.
Capillary flow, for instance, is too
slow to measure by using present
Doppler techniques. Thus, these ves-
sels will not be included in any vas-
cularity estimate derived with our
method. Of course, capillaries will not
contribute to any US color Doppler
vascularity measure, in neither mean-
frequency color-flow nor power mode.
In addition, vascularity assessments
by using color Doppler techniques
cannot be easily normalized, unlike
ours. Hence, we believe that our
method should surpass these.

In conclusion, we have defined a
method for normalizing the power
Doppler fractional moving blood vol-
ume estimate by using properties of
the cumulative Doppler power distri-
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bution. The technique is almost com-
pletely nonsubjective and could easily
be automated. The method works in
phantom studies to find blood vessel
boundaries, can be normalized for
depth, gives constant measurements
for the same flow situation largely
independently of body habitus, and
gives reasonable mean fractional mov-
ing blood volume estimates in healthy
volunteers with a variability similar to
that of other functional parametric
indices. Further studies in pathologic
cases are needed to define its useful-
ness. :

APPENDIX

Quantitatively, the definition of the in-
tersection points and tangent lines looks
like this: P/(x) = Ax + B, which is the form
of the best-fit line for a given distribution,
where P’'(x) is the estimated cumulative
value for a given x, the Doppler power,
and A and B are constants. If P(x) is the
true distribution of the data, then P(x) —
P’(x) will be zero at the points of intersec-
tion of the true distribution and the best-fit
line. Because this is real data, we cannot
rely on the actual points of intersection
being in the data set. Hence, one can iden-
tify the point in the data set closest to the
intersection as being the one where there is
a sign change. For example, an intersection
would lie immediately between points x;
and x; + 1if P(x;) — P’'(x;) < 0 and P(x;+ 1)
— P'(x;+ 1) > 0. As a first approximation,
one could choose either x; or x;+ 1 as the
intersection. Because we are interested
only in a set of points centered at either x;
or x;+ 1 to define a tangent, it does not re-
ally matter which point we pick. Choosing
either one of these points at each intersec-
tion, we empirically selected a 21-point
region of interest centered about each se-
lected point, for example, x; = 10 points,
and fitted a line through each group of 21
points. We selected a 21-point region be-
cause that worked well empirically. This
local, fitted line is the local tangent.

The final complication is that it is pos-
sible that there could be more than two
intersections of the global best-fit line with
the distribution. To get around this possi-
bility, we progressively identified each
point of intersection of the best-fit line
with the cumulative distribution by mov-
ing from the origin toward increasing ab-
scissa values, that is, Doppler power. We
then selected the first pair of tangent lines
in which the difference between their
slopes was negative, that is, in which their
slopes were decreasing or the curvature
was negative. For example, if T is a tan-
gent line and 7 is a set of abscissa values of
intersection points that range sequentially
from 1 to n, then T(i) is the line tangent to
the cumulative distribution at i. If slope
T(i) is the slope of tangent line T(i) and if
T(@) and T(i + 1)are the first pair of tangent
lines encountered when moving toward the
right from the origin whose difference in

slopes is negative (slope T(i + 1) — slope

T(i) < 0), then the intersection of T(i) and
T(i + 1) is the chosen point for the
knee. ®m

References

1. Tanaka S, Kitamura T, Fujita M, et al.

Color Doppler flow imaging of liver tu-
mors. AJR 1990; 154:509-514.

2. Shiamato K, Sadayuke S, Ishigaki T, et al.
Intratumoral blood flow: evaluation with
color Doppler echography. Radiology 1987;
165:683-685.

3. Bourne T, Campbell S, Steer C, et al.
Transvaginal colour flow imaging: a pos-
sible new screening technique for ovarian
cancer. Br Med J 1989; 299:1367-1370.

4. Luker GD, Siegel MJ. Pediatric testicular
tumors: evaluation with gray-scale and color
Doppler US. Radiology 1994; 191:561-564.

5. Adler DD, Carson PL, Rubin JM, Quinn-
Reid D. Doppler US color flow imaging in
the study of breast cancer: preliminary
findings. Ultrasound Med Biol 1990; 16:
553-559.

6. Sohn CH, Stolz W, Grischke EM, et al. Die
dopplersonographische untersuchung von
mammatumoren mit hilfe der farbdoppler-
sonographie, der duplex sonographie und
des CW-Dopplers. Zentralbl Gynakol 1992;
114:249-253. [German]

7. Dixon JM, Walsh J, Paterson D, Chetty U.
Colour Doppler ultrasonography studies of
benign and malignant breast lesions. Br |
Surg 1992; 79:259-260.

8. Cosgrove DO, Bamber JC, Davey JB, McK-
inna JA, Sinnett HD. Color Doppler sig-
nals from breast tumors: work in progress.
Radiology 1990; 176:175-180.

9. Cosgrove DO, Kedar RP, Bamber JC, et al.

Breast diseases: color Doppler US in differen-

tial diagnosis. Radiology 1993; 189:99-104.

Kedar RP, Cosgrove DO, Bamber JC, Bell

DS. Automated quantification of color

Doppler signals: a preliminary study in

breast tumors. Radiology 1995; 197:39-43.

Rifkin MD, Sudakoff GS, Alexander AA.

Prostate: techniques, results, and potential

applications of color Doppler US scanning.

Radiology 1993; 186:509-513.

Newman JS, Bree RL, Rubin JM. Prostate

cancer: diagnosis with color Doppler son-

ography with histologic correlation of each

biopsy site. Radiology 1995; 195:86-90.

Carson PL, Moskalik AP, Govil A, et al.

The 3D and 2D color flow display of breast

masses. Ultrasound Med Biol 1997; 23:

837-849.

Shung KK, Sigelmann RA, Reid JM.  Scat-

tering of ultrasound by blood. IEEE Trans

Biomed Eng 1976; 23:460-467.

Hottenger CF, Meind! JD. Blood flow

measurement using the attenuation-com-

pensated flowmeter. Ultrason Imaging

1979; 1:1-15. )

Carson PL, Li X, Pallister ], Moskalik A,

Rubin JM, Fowlkes JB. Approximate

quantification of detected fractional blood

volume in the breast by 3D color flow and

Doppler signal amplitude imaging. In:

Levy M, McAvoy BR, eds. 1993 ultrasonics

symposium proceedings. Institute for Elec-

trical and Electronics Engineers catalog no.
93CH3301-9. Piscataway, NJ: Institute for

Electrical and Electronics Engineers, 1993;

1023-1026.

Rubin JM, Adler RS, Fowlkes JB, et al.

Fractional moving blood volume: estima-

tion with power Doppler US. Radioclogy

1995; 197:183-190.

Sigel B, Machi JJ, Beitler JC, Justin JR. Red

cell aggregation as a cause of blood-flow

echogenicity. Radiology 1983; 148:799-802.

Machi JJ, Sigel B, Beitler JC, Coelho JCU,

10.

11.

12.

13.

14.

15.

16.

17.

18.

19.

TV mnmn b e 1O

?

H




20.

21.

22.

23.

24.

25.

26.

27.

Justin JR.  Relation of in vivo blood flow to
«ultrasound echogenicity. JCU 1983; 11:3-10.
Shung KK, Cloutier G, Lim CC. The ef-
fects of hematocrit, shear rate, and turbu-
lence on ultrasound Doppler spectrum
from blood. IEEE Trans Biomed Eng 1992;
39:462-469.
Shung KK. In vitro experiment results on
ultrasonic scattering in biological tissues.
In: Shung KK, Thieme GA, eds. Ultrasonic
scattering in biological tissues. Boca Raton,
Fla: CRC Press, 1993; 291-312.
Shung KK, Kuo IY, Cloutier G. Ultrasound
scattering properties of blood. In: Roelandt ],
Gussenhoven EJ, Bom N, eds. Intravascular
ultrasound. Dordrecht, the Netherlands: Klu-
wer Academic, 1993; 119-139.
Yuan YW, Shung KK. Ultrasonic backscat-
ter from flowing whole blood. I. Depen-
dence on shear rate and hematocrit. J
Acoust Soc Am 1988; 84:52-58.
Feynman RP, Leighton RB, Sands M. The
Feynman lectures on physics. Vol 2. Read-
ing, Mass: Addison-Wesley, 1964; 41-2.
Whitmore RL. The flow fluids. In: Whit-
more RL, ed. Rheology of the circulation.
Oxford, England: Pergamon, 1968; 37-46.
Metz CE. Basic principles of ROC analy-
sis. Semin Nucl Med 1978; 8:283-298.
Halperin EJ, Albert M, Krieger AM, Metz
CE, Maidment AD. Comparison of re-
ceiver operating characteristic curves on
the basis of optimal operating points. Acad
Radiol 1996; 3:245-253.

Volume 205 * Number 3

28.

29.

30.

31.

32.

33.

35.

36.

37.

Papoulis A. Probability, random vari-
ables, and stochastic processes. New York,
NY: McGraw-Hill, 1965; 92-94.

Press WH, Flannery B, Teukolsky SA, Vet-
terling WT. Numerical recipes in C: the
art of scientific computing. Cambridge, En-
gland: Cambridge University Press, 1988;
299-302. }

Rubin JM, Bude RO, Carson PL, Bree RL,
Adler RS. Power Doppler US: a poten-
tially useful alternative to mean frequency-
based color Doppler US. Radiology 1994;
190:853-856.

Meyerowitz CB, Fleischer AC, Pickens DR,
etal. Quantification of tumor vascularity
and flow with amplitude color Doppler
sonography in an experimental model: pre-
liminary results. J Ultrasound Med 1996;
15:827-834. '

Goldstein A.  Physics of ultrasound. In:
Rumack CM, Wilson SR, Charboneau JW,
eds. Diagnostic ultrasound. St. Louis, Mo:
Mosby—Year Book, 1991; 2-18.

Murphy KJ, Bude RO, Dickinson LD, Rubin
JM. Use of intravenous contrast in trans-
cranial sonography: preliminary observa-
tions. Acad Radiol 1997; 4:577-582.

Burns PN. Harmonic imaging with ultra-
sound contrast agents. Clin Radiol 1996;
51(suppl):50-55.

Metz CE. Quantification of failure to
demonstrate statistical significance: the
usefulness of confidence intervals. Invest
Radiol 1993; 28:59-63.

Kliewer MA, Tupler RH, Carroll BA, et al.
Renal artery stenosis: analysis of Doppler
waveform parameters and tardus-parvus
pattern. Radiology 1993; 189:779-787.
Keogan MT, Kliewer MA, Hertzberg BS,
DeLong DM, Tupler RH, Carroll BA. Re-
nal resistive indexes: variability in Doppler
US measurement in a healthy population.
Radiology 1996; 199:165-169.

38.

39,

40.

41.

42.

43.

Paulson EK, Kliewer MA, Frederick MG,
Keogan MT, Delong DM, Nelson RC. He-
patic artery: variability in measurement of
resistive index and systolic acceleration
time in healthy volunteers. Radiology 1996;
200:725-729.

Selkurt EE. The renal circulation. In:
Hamilton WE, Dow P, eds. Handbook of
physiology, circulation. Vol 2, section 2,
Washington, DC: American Physiological
Society, 1963:1471.

Ladefoged J, Pedersen F.  Renal blood
flow, circulation times and vascular volume
in normal man measured by the intraarte-
rial injection: external counting technique.
Acta Physiol Scand 1967; 69:220-229.
Wiencek JG, Feinstein SB, Walker R, Aron-
sonS. Pitfalls in quantitative contrast
echocardiography: the steps to quantitation
of perfusion. J Am Soc Echocardiogr 1993;
6:395-416.

Bude RO, Rubin JM, Platt JF, Fechner KP,
Adler RS. Pulsus tardus: its cause and
potential limitations in detection of arterial
stenosis. Radiology 1994; 190:779-784.
Halpern EJ, Deane CR, Needleman L, Mer-
ton DA, East SA. Normal renal artery
spectral Doppler waveform: a closer look.
Radiology 1995; 196:667-673.

Radiology * 765




" 4 HAND-CONTROLLED, 3D ULTRASOUND GUIDE

' AND MEASUREMENT SYSTEM

Ralph C. Fenn, J. Brian Fowlkes, Aaron P. Moskalik
Yong Zhang, Marilyn A. Roubidoux, Paul L. Carson

Department of Radiology
University of Michigan Medical Center
Ann Arbor, Michigan 48109-0553

INTRODUCTION

Summary

Three dimensional (3D) ultrasound images provide superior visualization of anatomical
features than two dimensional (2D) power mode or frequency shift color Doppler B-scan
ultrasound images. However, 3D data sets require transducer position measurements that can
be problematic. One previously investigated approach completely automates transducer
positioning and measurements with one dimensional motorized stages. Other system types
permit full six degree-of-freedom (DOF) manual transducer manipulation while measuring all
six axes. In contrast this work explores the middle ground of measuring the two degrees of
freedom muost important for free-hand scanning while fixing the remaining axes for minimized
complexity. :

The device designed, fabricated, and tested allows linear motion perpendicular to the scan
plane and along the beam axis, as well as rotation about an axis parallel to the array. The
measurement system is designed to minimize size, weight, and cost while maximizing

- accuracy and ease of operator use. The resulting design weighs 500g in its heaviest
configuration and is 150 mm long, 64 mm high, and 70 mm wide. It is capable of 0.1 mm
accuracy in the focal plane. Three dimensional data with continually varying translational and
rotary speeds was interpolated in 3D by image processing software to minimize distortion in
standard Cartesian coordinates. Phantom images show little distortion due to the measuring
System or data processing algorithm. This inexpensive, compact, and lightweight system
Interferes minimally with clinician free-hand scanning and enhances 3D image collection and
generation capabilities in the clinical setting.

Three Dimensional Data Acquisition

The goal of three dimensional ultrasound imaging has been pursued by a number of
research laboratories. Conventional 2D ultrasound images are inherently limited in their ability
to display 3D human anatomy and their diagnostic usefulness is thus reduced. A number of
laboratories have investigated various methods of attaining the critical transducer position
Ineasurements to create 3D data sets. A common feature of many of these imaging systems is

Acoustical Imaging, Vol. 23 )
Edited by Lees and Ferrari, Plenum Press, New York, 1997 o237

Tew tm wana: .




computer controlled, motor-driven linear ultrasound transducer motion (Pretorius et al., 1992,
Picot et al., 1993, Moskalik et al., 1995, Tong et al., 1996, and Hernandez et al., 1996),
These designs give precise control of the ultrasound transducer position, usually with one’
degree-of-freedom. However these motorized systems frustrate the clinician's desire for the
flexibility of conventional hand-controlled ultrasound examinations. Free-hand contro]
facilitates localizing a specific region of interest (ROI), especially when examining organs of
convex or concave external shape such as the shoulder, the uterus, and the liver near the ribs,
In contrast, other studies have provided complete freedom of motion for manua]
examinations while measuring the positions of each of the 6 axes of motion, both translation
and rotation ( Detmer et al., 1994, Kelly et al., 1994, Nelson and Pretorius, 1995, and
Hughes et al., 1996). Such systems are often less accurate and may be complex, large, and
more costly. The approach of the present work uses an intermediate approach with manua]
transducer control only in the degrees-of-freedom that are most helpful, while avoiding
complete 6 DOF freedom of motion that increases complexity and cost. The current design
measures 2 DOF and can be easily retrofitted for measurement of the third axis, which is 3

second transiation axis. :

METHODS
Instrumentation System. Overview .

The 3D ultrasound data acquisition system is comprised of three major parts. First is the
ultrasound imaging system. The scanning data presented was gathered by a General Electric
Logiq 700 MR machine with a 739L. transducer but the design is equally applicable to other
machine types. Second is the personal computer which handles data acquisition and storage.
The current experiments collect position data at the same fixed, 4 Hz rate as the production of
ultrasound B-scan images. In future experiments, the personal computer will store B-scans at
desired spatial increments through signals to the cardiac gating feature of the uitrasound
machine. For color flow studies of maximum sensitivity, cardiac signals will trigger
ultrasound image storage and simultaneous position measurements by the personal computer.
The third major component, and the focus here, is the mechanical transducer guiding system
and its translation and rotation sensors. Postprocessing for 3D image construction is
performed on a Digital Equipment Corporation Alpha workstation,

System Design of the Guide and Measurement System -

The overall goal of allowing natural, free-hand transducer motion in 2 DOF while
measuring translation and rotation drove the design of the measurement system. This goal
requires a compact device that allows natural grasp of the transducer grip. The device must
not provide too much friction or require movement of significant mass. It should provide
range of motion greater than required for screening examinations. The device must have low
overall mass to maximize patient comfort. The accuracy and linearity must be high so that
these factors contribute little additional distortion to the 3D image. Finally it should be
inexpensive. These factors all influenced the design described below.

Figure 1 shows the design developed by this program that provides transducer guidance
and measurement. The design uses a "series” design where multiple DOF are created by
selecting a base motion type and installing the other DOF on the now moving base stage: In
the device described here the base stage provides translation. This is advantageous because of
the large stroke required. The aiternative of mounting the translation stage on the rotary axis
would be very clumsy because of the large radius of the resulting rotating mass. For this
reason the rotation stage is mounted on the translation carriage. Finally a second translation
stage is mounted on the rotating shaft to provide the third DOF. The first two DOF are
measured however the third is not but could be instrumented using straightforward methods.
This third DOF can be locked, or left free when positional accuracy is not critical, e.g. while
following rough surface contours.

The major components shown in Figure 1 are described below beginning with those
components nearest the patient. At the base is a stabilizing platform made of acrylic sheet with
a window for transducer array access to the skin. The material is clear for ease of positioning,
has low thermal conductivity for patient comfort, and is easily cleanable. .

Mounted horizontally on the base plate is a Thompson Series 10 miniature linear
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: . 'i)eéﬁng, This bearing provides motion of the transducer in the z axis which is defined to be
: perpendicular to the long dimension of the ultrasound array (x axis).

st (Z)

STABILIZING
. PLATFORM

Figure 1. The ultrasound transducer guide and measurement system (drawing by Ben Moskalik).

Low friction is provided by the light rather than heavy preload on the bearings, and by the use
of low friction bearing seals. Preload is required to minimize backlash, particularly in the roll
axis. Waterproof grease such as petroleum jelly excludes gel and cleaning water from the
bearing interior while being nontoxic to the patient. :
Parallel to the linear bearing and also mounted on the base plate is a precision linear
potentiometer. This off-the-shelf Duncan Electronics 400 Series potentiometer uses a high
linearity conductive plastic film and has dual, parallel wipers to reduce noise. This
potentiometer measures the translation of the ultrasound array by providing a voitage output
when a reference voltage is applied to the resistive element. The friction and damping of the
wiper is adjustable by removal of plastic inserts. The wiper access slot has rubber seals that
face the side to avoid gel and water intrusion.” This sensor has the advantage of providing an
analog output which simplifies development of interfaces to various laboratory instruments
during system development and experiments. Minimal distortion of the interpolated three
‘dimension model of the tissues requires low position noise and high accuracy. These
Important potentiometer parameters were measured with resuits presented at the end of this
section. : :
The capacity to rotate the transducer array around an axis parallel to the array (x axis) is
provided by a rotary optical encoder mounted onto the linear bearing carriage. This optical
encoder integrates the functions of a rotary bearing and rotary sensor. If separate components
Were used instead and connected by a beit, for example, backlash and calibration errors would
be much larger. The RIS15 encoder from BEI Encoder Systems Division is used and has
2,000 lines on the disk, thus supplying 8,000 counts per turn using quadrature electronics.
This disk resolution supplies angle precision of 0.045 degrees or linear precision of 0.075 mm
at 50 mm below the skin. The internal encoder bearings provide 22N (5 Ibf) load capability
which is sufficient to support the transducer and normal operator hand forces. An analog
output is provided for simplicity of interface thus avoiding software intensive serial
communication. :

_ A major goal of this effort is miniaturization of the measurement system. The resulting
design weighs 650g including the ultrasound transducer. This mass is divided into stationary
Parts weighing 190 g, which includes the base plate, potentiometer, and linear bearing rail.
The moving parts weigh 460 g which includes a typical 140 g ultrasound transducer, an
optical encoder weighing 170 g, a vertical linear bearing weighing 30 g, and various brackets.

The length of the package along the translation (z) axis is 153 mm, and the width (x
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axis) is 142 mm parallel to the transducer array. The height (y axis) without a ultrasound
transducer installed is 64 mm to the top of the optical encoder body. The device fits into a - ;
rectangular prism of 1400 cc. In the configuration illustrated the translational range is 70 mm - !

which is easily expandable. :
Translation Sensor Linearity and Noise Measurements

Poor linearity and contact noise are traditional weaknesses of potentiometers. The
potentiometer was selected for the final design because of the advantages of size and weight
over competing linear optical encoders, but only after complete testing of linearity and noise.

Linearity was measured by translating the potentiometer wiper with a lead screw and
measuring the potentiometer wiper voltage with a constant voltage applied to the resistive
element. The voltage was read by a 12 bit analog-to-digital-converter (ADC) board that was
also- used for the phantom and clinical data presented in the Results Section. This
experimental protocol tests the linearity of the ADC as well as the potentiometer. The error of
the digital position measurement was calculated from the best linear model of the data using a
least mean square algorithm. The worst cumulative error is 0.47 mm or 0.68 percent. By
avoiding the first 2 mm of the 69 mm stroke the nonlinear error can be limited to 0.35 percent,
It is important to note that the maximum nonlinear error between successive 0.5 mm slices is
limited to 0.16 mm or 32 percent of the slice spacing. This implies that the greatest distortion
using this potentiometer would be one third of a space between scan planes. Further
improvement in linearity is available in high linearity (0.1%) potentiometers available from the
manufacturer.

The electrical noise of the translational sensing system was also measured during a
typical slew maneuver of 1 mm per second. Resistance changes as the wipers slid across the
conductive film were determined as well as noise from the cabling and ADC circuitry. Figure
2 shows the calculated position during slewing. The primary feature of the plot is the series of
steps due to the quantization size of the 12 bit ADC circuit. The resistor output voltage is 10 V
for 2 100 mm range. This is processed by a 12 bit ADC having 4096 steps and an input range
which is also 10 V. The result is quantization steps of 2.4 mV, or 0.024 mm, for the stated
position and voltage ranges. Figure 2 shows that this quantization noise dominates the
calculated transducer position. Potentiometer noise is small relative to the ADC quantization

_ error and is insignificant for this application.

s
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Figure 2. Electrical noise during slewing of the plastic film linear sensor.
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The go'al'df- the program is construction of a measurement system that provides linear
1 rotary position of the ultrasound transducer. The ultimate goal for this data is the
< and a.ouction of 3D data sets where any 2D image section can be presented to the viewer

L cqft‘iout significant distortion. Real-time measurements avoid the need for evenly spaced B-
S s because the 3D image processing software can accomodate the varying slice spacing.

- -fsc?finea'r interpolation is used to assign weighted fractions of the raw image data into the

:.;jrer;ired 3D grid. A raw 3D data set was created from scans of a filament phantom. A single
" B-scan was used as a reference image and a similar section of the interpolated 3D data was

*** evaluated for distortion. ) ) )

“-"%... The first step in this evaluation was creation of a reference 2D B-scan image of the

s phanfbm- The B-scan was taken perpendicular to the phantom filaments for finest detail and
 minimal sensitivity to precise transducer alignment. This 2D image is shown in Figure 3.

-+ A 3D data set was created from a set of B-scans taken parallel to the phantom filaments,

e perpendicular to the reference 2D scan. Motion was allowed in both translation and

Figure 4. An image from the 3D data set after interpolation for rotation and uneven spacing.
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rotation. Figure 4 shows an image reconstructed from the 3D data set after interpolation based
on the measurement system. Data from each scan plane was placed into the nearest Cartesian-
grid vertices using trilinear interpolation. The figure shows how the features from Figure 3 -
are presented with an acceptable level of distortion. Note that the lateral boundaries the image
are not parallel and thus accurately reflect the degree of rotation employed during the 3D data
collection.

Figure 4 shows some degradation in image quality due to reduced resolution. This
effect results from the different precision of beam focusing between the in-plane and out-of-
plane directions. Electronic focusing within the B-scan plane provides better focusing, and
also high depth of field through changes in focus depth. In the elevational, or out-of-plane
direction used by the 3D software to reconstruct objects perpendicular to the constituent B-
scans, single array elements provide poorer focusing. The resulting 3D image is smeared in
the translation direction because of the large elevational beam width. The 3D image shown is
provides the most severe conditions for comparison of B-scan and 3D data.

CONCLUSIONS

This work has developed a small, low cost ultrasound transducer position measuring
system that minimally affects the clinician's preferred technique during ultrasound .
examinations. Manual examination is facilitated by permitting varying speeds of translation
while still producing low distortion 3D image sets. Patient comfort is maximized by the
device's light weight while its small size permits access to a range of body regions comparable
to the ultrasound transducer alone. Measurement of the two axes critical to image acquisition
flexibility is provided while motion in other axes is prohibited, thus simplifying measurement,
data acquisition, and image processing. '
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Examples of 3D Image Registration for Multimode, Extended Field of
View, and Sequential US Imaging

Jochen F. Kriicker, Gerald L. LeCarpentier, Charles R. Meyer, Marilyn A. Roubidoux, J. Brian Fowlkes, Paul L. Carson

Abstract

Several potential uses of image registration and new display techniques in three-dimensional ultrasound (US) imaging are
demonstrated in three examples, representing several types of applications: First, the gray-scale information of a color Doppler flow
image set was coregistered with a high-resolution gray-scale image set covering the same region of interest. The high accuracy
achieved in this registration suggests that this technique can create improved images from combined US modes. Second, several
parallel, partly overlapping gray-scale scans of a female breast with several lesions were coregistered and combined into one larger
volume. Only in this extended field of view could the lesions be viewed simultaneously and their relative sizes and positions be
appreciated, suggesting the potential of better detection of changes in breast regions being followed up for potential cancer. Third,
the image registration was applied to a series of US breast studies for cancer therapy assessment. Despite considerable tumor
shrinkage occurring between the two scans, obtained several weeks apart, the coregistration mapped the dominant features in the
region of interest and thus facilitated tracking of changes over time, both with direct comparison and with displays that highlighted
changes. The quality of the semiautomatic coregistrations achieved and the significance of the applications demonstrated here
indicate that image registration may become a valuable tool in improving diagnosis with US imaging.

http://ej.rsna.org/ej3/0098-99.fin/abstract.html
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Introduction

Image registration or coregistration, the alignment of two or more two-dimensional (2D) or three-dimensional (3D) images of an
object, has been applied to medical imaging for more than 10 years. One major application of medical image registration is fusion of
morphologic images such as magnetic resonance (MR) images and computed tomographic (CT) images with functional studies such
as positron emission tomographic (PET) and single photon emission computed tomographic (SPECT) studies (1-7). Other
applications of coregistration include motion detection (8.9), subtraction imaging (10.11), and treatment planning (12.13). A
comprehensive review of different approaches and techniques in medical image matching can be found in reference 14.

Until recently, ultrasound (US) image registration has not been successful, partly because of the small 2D field of view (FOV)
and possibly because of the large tissue motion and deformation that make it difficult to obtain consistent image pairs for
coregistration with conventional manual scanning.

With the advent of 3D sonography in research (135.16) and, more recently, in commercially available US scanners, volumetric
US data have become available and can, in principle, be registered like 3D data sets from other imaging modalities. However, the
speckle noise and image artifacts usually present in US images and the strong angular dependency of the apparent brightness of
specular reflectors challenge the robustness of registration algorithms.

Apparently the first successful coregistration of 3D US scans in a phantom and in the breast, with registration software that
required user definition of homologous points, lines, and planes in the data sets, has been reported (17). Semiautomatic
coregistration of US scans was achieved recently (18,19) with software based on the mutual information of two data sets. The same
software was used in this study to demonstrate three examples of potential applications of coregistration in US breast imaging. The
display possibilities in this electronic medium, especially the movie features, should allow better visualization of registration quality
and assessment of errors than would print journals.

The gray-scale image obtained along with the color information in Doppler US modes usually has poor spatial resolution
compared with the high resolution obtainable in the gray-scale-only mode. After registration of a 3D Doppler mode data set with a
gray-scale set, the color information can be superimposed on a high-resolution gray-scale background, thus extracting the best of
both imaging modes. Potentially, this allows more accurate diagnosis and higher sensitivity in lesion detection by displaying flow
information along with a high-quality gray-scale image.

The small FOV usually covered by a high-resolution scan head may be insufficient for full use of the capabilities of 3D US in
detecting and tracking changes in breast regions being screened or followed up for possible lesions or response to treatment. Often
the FOV is also too small to allow full use of the advantages of 3D in displaying morphologic distortions of normal tissue and flow
surrounding the mass and differences between the possible mass and a statistically robust sampling of surrounding tissue. To create
a complete or more complete image of the breast, the small volume covered by a single scan can be extended by repeatedly scanning
the breast in parallel, partially overlapping sweeps that can then be combined by using coregistration of the overlap. Compared to a
commercially available 2D extended FOV approach (20.21), our extended volume imaging (EVI) allows much faster acquisition of
3D volumes and can be used as a postprocessing scheme after the individual scans have been obtained.

In US screening of the breast, some malignant changes are manifest as changes in echogenicity, texture, and morphology. Early
detection of these changes can improve survival rates (22). Changes in the size or shape of a structure can also aid in detection of a
malignancy or give important feedback in serial US studies for the assessment of response to cancer therapy. Coregistration of 3D
US studies can facilitate the temporal tracking of changes by coregistering the suspect regions of interest imaged at different times,

thus allowing direct comparison of the "before" and "after” texture and morphology. .

[ Previous: Abstract ] [ Next: Materials and Methods |
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Materials and Methods

A LOGIQ 700 US scanner (GE Medical Systems, Milwaukee, Wis) with a 12-MHz, 1.5-dimensional matrix linear array probe
was used to obtain 3D data sets of the breast. The probe was mounted in a holder that restricted it to a linear motion in the
elevational direction (perpendicular to the image plane), while electronically encoding the linear position of the probe in that
direction. A more detailed description of the data acquisition scheme can be found in reference 23.

The holder was placed on the breast and the transducer slowly moved by hand over the region of interest. The high-resolution
gray-scale (GS) and frequency-shift (f-CDI) and power-mode (p-CDI) color Doppler images obtained were then interpolated and
resampled with a uniform elevational spacing of approximately 0.4 mm by using the position data stored along with the images.
Display and registration of the data sets were performed with AVS/5 and AVS/Express (Advanced Visual Systems, Waltham,
Mass).

The 3D image registration software MIAMI Fuse was originally developed for fusion of data sets from multiple imaging
modalities, including various combinations of MR imaging, CT, PET, and SPECT.

To define the approximate relative positions of the two data sets to be coregistered, three control points must be defined in each
set. This is usually done by assuming that the images were obtained in the same location and in the same orientation and requires
limited user interaction. The algorithm then repeatedly performs geometric transformations, rigid or full affine, on one of the two
sets and maps it onto the second set until the best fit between the two sets is found. The mutual information (24.25) of the data sets
is used as a cost function to determine the quality of a fit. With more control points, warping transformations can be performed, but
that was not done in the present study. For a more detailed description of the algorithm and evaluation of its performance with PET
and CT, PET and MR imaging, and SPECT and CT multimodal data sets, see reference 26. More details on the application of this
image registration software to 3D US data sets are given in reference 19.

The registration software was used here to demonstrate registration of 3D US scans of the breast for three different applications.
For each application, one typical case is displayed to demonstrate its potential value in US diagnostic imaging. All patient data were
acquired after informed consent was obtained.

1. The first application is the fusion of color information from Doppler imaging modalities with gray-scale information from a
high-resolution gray-scale scan of the same volume. For this purpose, the right breast of a 40-year-old woman was scanned in
f-CDI mode and, several minutes later, in high-resolution gray-scale mode, with average elevational frame spacings of 0.43 mm
and 0.47 mm, respectively. The gray-scale information of the two scans was then coregistered and displayed in various ways to
evaluate the quality of the match.

2. Extended volume imaging is the second application demonstrated in this study. Three parallel, high-resolution gray-scale
scans were obtained in the left breast of a 65-year-old woman with a diagnosis of a 60-mm-diameter invasive ductal carcinoma. The
relative position and alignment of the scans is shown schematically in Figure 1. Starting with a scan in the center of the region of
interest (B ; average elevational frame spacing, 0.32 mm), the 4-cm-wide aperture of the transducer was then shifted 1-3 cm
medially (A ; frame spacing, 0.29 mm) and laterally (C ; frame spacing, 0.37 mm), respectively, before the second and third
scans. Thus, 3D data sets with 25%-75% overlap (AB , BC ) were obtained. Volume registration was then performed on the
overlapping regions to find the necessary transformations and exact relative positions of the data sets, mapping scanA and C into
the reference frame given by scan B . .

Note that our hardware does not encode the lateral position of the transducer, and that image-based methods, such as our volume
registration method, are preferable to hardware-encoded positioning, since the image may be distorted by tissue motion or refraction

artifacts. These distortions would not be detected by an external position encoder and could therefore result in discontinuities in the
extended image.
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Figure 1. The diagram shows the relative positions of three individual scans A ,
B ,and C , combined into one extended 3D FOV. The three scans are
approximately parallel and overlap at least 25% to achieve sufficient accuracy in
the coregistration. Scan B serves as a reference, while the overlap AB is used to
align scan A relative to B ; similarly, BC is used to align C relative to B .

3. The third application presented in this article is the registration of US scans obtained several weeks apart in the course of a
serial study. For this application, the same subject was scanned as for the extended volume imaging. The central lesion in the left
breast of the same woman as in the second application was scanned four times, 8 days before and 29, 55, and 78 days after the first
of four cycles of CAF (cytoxin, adriamycin, flourouracil) chemotherapy. The second scan served as a reference relative to which
the first, third, and fourth scans were coregistered. Although visual inspection of the scans showed significant changes in the
lesion, the coregistrations were done without prior cropping or any other preprocessing of the image sets. While this inherently
increases the inaccuracy of the coregistration, it does serve to demonstrate the feasibility of using US image registration for
evaluation of serial studies without substantial user interaction.

In each application, the quality of the coregistration was evaluated by displaying the registered image sets side by side and
manually defining pairs of corresponding feature landmarks in the two sets. The mean of the distances between point pairs defining
common landmarks was then used as an estimate of the alignment errors after registration. More objective and user-independent
measures of accuracy are currently under research and are addressed in the Discussion section.

[ Previous: Introduction ] [ Next: Resulis |
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Application 1: Multimodal US Imaging

Figures 2 and 3 show the results of registering a 3D f-CDI volume with a high-resolution gray-scale volume. The two image
volumes were acquired sequentially during a single patient visit. The 40-year-old woman had a diagnosis of right infiltrative ductal
carcinoma. Note the 13-mm-diameter spiculated mass (arrow) in both Figures Zb and 3.

a. - b. C.

Figure 2. Composite representation of an f-CDI volume coregistered with a high-resolution gray-scale volume. The
high-resolution gray-scale images are pseudocolorized from blue (weak echo) to red (strong echo) and superimposed onto the
gray scale of the f-CDI set. Note the overlap of features in all three images, with reds and yellows overlapping the lighter
features. The scans were performed minutes apart. Click on each image for a larger version. (a) Three orthogonal planes of the
3D coregistered volume. The labels indicate our naming scheme for the three planes. (b) Axial-lateral (z) scan plane. The arrow
indicates the 13-mm-diameter spiculated mass. (¢) Axial-elevational (x) transverse plane. Click here for a Quicktime movie (444
kB) that scans through the entire volume and contains the frames shown in a-c. For a high-quality version of the same movie
(1.2 MB), click here.

In Figure 3, the particular scan plane shown in Figure 2b is presented in a different way. In this case, the coregistered planes are
not combined into a composite view. Rather, a diagonal line separates the gray-scale image from the f-CDI (upper left) from the
high-resolution gray-scale image (lower right). The viewer is then able to see the alignment of various features at the diagonal
boundary for comparison. Note that the sharp borders of the spiculated mass (arrow) clearly visible in Figure 3b are barely
discernible on the gray-scale image from the f-CDI (Fig 3a). In a Quicktime "wiper" movie (348 kB), the viewer can appreciate
both the accuracy of the registration and the sharpness of the high-resolution gray scale over that of the f~-CDI view by sweeping the
border back and forth over the suspicious region.
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a. b.

Figure 3. Lateral-axial scan plane shown in Figure 2b. In both images, to the left of
the diagonal line is the gray-scale image from the f-CDI, while to the right is the
high-resolution multifocal gray-scale image. Click on each image for a larger version.
(a) In this view, more of the lower-resolution image is shown. Note the alignment of
various structures at the diagonal image boundary. (b) In this view, more of the
high-resolution gray-scale image is shown. Note the detectability of the spiculated mass
(arrow) just to the right of the diagonal line in the upper portion of the image. In a, this
structure is barely discernible. Click here for a Quicktime "wiper" movie (348 kB)
containing the frames shown in a and b.

Even if the mapping of the two image sets displayed above appears to be accurate, close inspection of the data reveals a small
remaining error in the alignment of discernible landmarks. The main causes of error appear to be the following:

1. Local tissue motion and deformation caused by respiratory motion and compression of superficial tissue by the transducer
itself. These local deformations can be corrected only in part by the global geometric transformation applied here to register the two
data sets.

2. Noise in the image sets or any other inherent differences between the sets to be registered, introduced by using different
imaging modes or modalities (here: gray-scale and f-CDI US).

3. Changes in the view direction, which cause changes in the apparent brightness of specular reflectors, since the echo received
from specular reflectors depends strongly on the angle of incidence of the ultrasound pulse. Even if very apparent to the eye, this
may actually be only a minor cause of misalignment, since the volume covered by specular reflectors is small compared to the total
volume, and thus the mutual information associated with it contributes little to the maximization of the total mutual information.

The quality of the registration was evaluated by a single observer, as described above. The mean alignment error obtained, based
on 13 manually defined common landmarks, was 1.1 mm. It should be noted that this value depends on the position and
distribution of the selected points throughout the volume and is somewhat subjective. The peak alignment error estimate was 2.9
mm on the left side of the image near the chest wall, the movability of which is unrelated to the transducer pressure applied.

Application 2: Extended Volume Imaging

Figure 4 displays the extended 3D FOV of an invasive ductal carcinoma scanned in a 65- year-old woman. The orientation and
relative position of the three scans used to form this extended volume was described in Figure 1. In this particular example, the
central (B ) and medial (A ) scans overlapped about 75%, the central and lateral (C ) scans overlapped 25%, resulting in a total
width of the extended field of about 7.9 cm. In Figure 4, the boundaries between the displays of the coregistered scans at 0.3 and
0.6 of the total width of the extended volume, marked by arrows in the 2D view of Figure 4, are hardly noticeable. Note that no
averaging or other processing (other than slight image compression for online display) was used at the boundaries to smooth out the
transition. The display changes abruptly fromscanA to B and from B to C , which makes the continuous appearance of the
extended view even more remarkable. ‘

A Quicktime movie (548 kB) can be displayed for appreciation of the quality of the composite view throughout the volume.
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Figure 4.
(Top) 3D
view of a
volume
combined
from three
parallel,
partly
overlapping
scansina
65-year-old
woman with
invasive
ductal
carcinoma.
(Bottom) 2D
view of the
axial-lateral
plane
displayed in
the volume
above. The
width of this
extended
view is 7.9
cm. The
boundaries
between the
original
scans at
about one
third and
two thirds
of the width
of the
composite
image
(arrows) are
hardly
noticeable.
Click here
fora
Quicktime
movie (548
kB)
displaying
an
elevational
sweep
through the
extended
volume. For

a
high-quality
version (1.3
MB) of the
same movie,
click here.

In this example, commercially available high-resolution transducers with aperture widths of typically 4 cm could have fully
displayed only one of the masses at a time. This limitation may make the visualization and evaluation of the entire stracture with US
more difficult. In the extended view, the three distinct masses are displayed simultaneously in their relative positions, as determined
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with coregistration in the overlapping regions. This allows immediate perception of the entire region of interest and reveals more of
the overall anatomy and the anatomic relationships. The large FOV should also reduce the danger of missing important details at the
edges and facilitate measurements within the extended volume.

The remaining misalignment of the registered scans in the overlapping regions, based again on visual inspection of identifiable
structures and measurement of their apparent shift, was estimated to be a mean of 0.8 mm (1.5 mm peak) in the 75% overlap region
and 1.4 mm (3.1 mm peak) in the 25% overlap region.

Application 3: Sequential 3D Imaging

Figure 5 is an example of a coregistration of sequential scans of a breast lesion in a patient undergoing CAF chemotherapy. The
65-year-old woman had a palpable 2.5-cm-diameter mass and later had a diagnosis of left invasive ductal carcinoma with a focal
mucinous carcinoma component. The two scans displayed here were acquired 8 days before and 29 days after the start of the
chemotherapy. Two more scans obtained and coregistered 55 and 78 days, respectively, after the start of the therapy yielded similar
registration results and are not displayed here. Although the size and shape of the lesion changed considerably between the first two
scans, the registration procedure aligned the lesions well and allows better comparison and visualization of changes than without
registration.

Figure 5. Coregistration of two sequential scans of a breast lesion in a patient undergoing chemotherapy.
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* . (a) Central B-scan frame of the first scan, obtained 1 week before the start of therapy, coregistered and
transformed to map onto the second scan. (b) Corresponding frame of the second scan, obtained 5 weeks
later. (c) Combined view of the same frame in the first (left) and second scan (right). Click here for a
Quicktime "wiper" movie (304 kB) showing the temporal changes throughout the frame obtained by moving
the border between the scans from left to right. (d) Pseudo-color image of the differences between the two
scans, showing increased echogenicity (blue) where the mass shrank (white arrow) and decreased
echogenicity (yellow) below the mass (gray arrow). Click here for a movie (292 kB) showing the differences
throughout the scanned volume.

Figure 5a and 5b show corresponding frames from the center of the first and second scans, respectively, after coregistration of
the volumes. In this case, the first scan was transformed by using a full affine transformation to map onto the second one. In a
serial study with scans obtained manually and several weeks apart, small changes in view direction or positioning of the transducer
are unavoidable even if the sonographer tries to carefully reproduce the FOV of a previous scan. These variations can make direct
comparison of two serial scans more difficult. However, if the two scans have enough common information, the registration
software can detect these changes and transform one set accordingly. Hence, the slight rotation of the image in Figure 5a can be
understood as a correction to a small change in view direction between the two scans.

Figure 5c shows a combined view of the frames displayed in Figure 52 (left half) and 5b (right half of the image), and reveals
the change in size and other characteristics of the lesion. Also seen is a small error in aligning the specular reflectors at the top of the
images, assuming the same tissue planes are producing the specular reflections in the two scans. This near-field error is most likely
the result of a local deformation of the tissue by the pressure of the transducer against the skin. The estimation of the average
misregistration in this serial study is difficult and prone to error because of the additional effect of drug-induced changes over time.
These changes cannot be unambiguously distinguished from the other causes of registration error discussed above. However,
estimation of the average error by identification of corresponding landmarks in the two registered data sets well outside the tumor
volume, resulted in a mean error of 1.4 mm (peak, 2.2 mm).

For better visual evaluation of the registration quality and change in tumor size, a Quicktime movie (304 kB) can be viewed. In
the movie, the border between the two scans as displayed in Figure 5S¢ can be moved from left to right, thus revealing more of the
first or the second scan.

In Figure 34, the change in tumor size is highlighted by using a pseudo-color display. By simultaneously feeding the gray-scale
values of the coregistered first scan into the red and green channels of an RGB (red, green, blue) display and the gray-scale values
of the second scan into the blue channel of the same display, a difference image is created with a color map from yellow
(echogenicity of first scan greater) through gray (echogenicities identical) to blue (echogenicity of second scan greater). The
saturation of the colors is proportional to the difference in gray-scale value; in other words, the larger the difference, the stronger
the color. The shrinkage of the hypoechoic mass causes an increase in echogenicity on the mass periphery in the second scan
compared to the first. This difference is clearly visible as a blue rim (white arrow) surrounding the proximal half of the mass in
Figure 5d. The distal part of the mass shows no such blue rim and therefore appears to be unchanged. This may be explained by the
surrounding anatomy, which can cause asymmetric tissue deformation and displacement around the shrinking mass.

The other prominent feature in this figure is the yellow area immediately below the tumor (gray arrow), indicating an area of
decreased echogenicity. This decrease could be explained by a mostly blood-filled mass that has lower attenuation than the
surrounding tissue and thus causes an enhancement artifact below the mass. The smaller mass in the second scan causes a less
pronounced artifact and therefore a decrease in echogenicity below the mass compared with the first scan. This can also be seen by
comparing Figure 5a and 5b, but it is more obvious in the color display of Figure 5d.

A movie (292 kB) can be displayed showing the difference image of Figure 5d for 47 frames of the scanned volume. Note the
shrinkage of the mass in all three dimensions by following the blue rim throughout the movie. Quantitative evaluation of the entire
scan using polygons to manually define the border of the lesion in each frame yielded a reduction in lesion volume of approximately

0.

Reproducibility of Results

More examples must be registered to study case-to-case variations in accuracy and the factors limiting the function of the
registration algorithm. So far, two examples of multimode registration, five examples of extended volumes, and five sequential
cases have been studied. By visual assessment, the two multimode registrations were of similar quality and four of the sequential
cases were of comparable quality. In a fifth case, no registration could be found. Visual inspection showed that either the
sonographer had not scanned enough of the same volume in the two sequential scans or the mass had disappeared completely in
response to treatment. In the extended-volume studies, four out of five cases were similar to the one displayed here. In the fifth
case, the overlap was less than 1 cm and no acceptable registration was found.

[ Previous: Materials and Methods ] [ Next: Discussion ]
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Discussion

The examples described are successful and important applications of image registration in 3D US imaging. They demonstrate the
feasibility of a new technique for improving US diagnostics and potentially opening a new range of related applications. Routine
coregistration and combination of image sets obtained with use of a variety of different US modes or using US and a second
imaging modality should be possible with the same or only slightly modified version of the currently used registration software.

In US multimode imaging, coregistration should allow image optimization: replacement of a lower-quality component of one
image set with the higher-quality component of a different set, as in the substitution of high-resolution gray-scale data for the
lower-resolution gray-scale "background" of color Doppler flow imaging modes. Coregistration should also allow image fusion:
the combination of images displaying different physical properties, which increases the diagnostic value of either one of the original
images by relating one physical property to another. Note that the reduced quality of the image in color Doppler mode relative to
gray-scale mode is due to natural timing constraints in image formation and is therefore likely present to some extent in most or all
modern US scanners. The difference is probably more marked here because the matrix array used allows more image improvements
in the gray-scale images that cannot be realized in color Doppler modes than is usually possible with one-dimensional arrays.

Possible modes for image fusion can include, but are not restricted to, frequency-shift and power-mode Doppler, harmonic
imaging, and new modes being researched and developed, such as imaging with contrast agents or elasticity US imaging (27.28).
The quality of the registration depends on the information content of the images; more specifically, the mutual information. Where
only gray-scale information was used for the registration, the accuracy did not allow an exact pixel-by-pixel match, but the
registration was far better than can be done manually.

In multimodality imaging, coregistration of US scans with MR, CT, and other 3D data sets or with projection images such as
mammograms can be envisioned. If a US scan were to be obtained in the same or a similar geometry as a mammogram,
coregistration of a projection of the US scan with the mammogram could combine the most inexpensive and commonly used
modalities for breast imaging. This would add 3D information to the 2D mammogram and allow more accurate tracking of lesions
identified in the mammogram by using 3D US imaging.

Extended volume imaging is a method for overcoming one of the major disadvantages of US imaging compared with most other
modalities: the limited FOV and unsystematic coverage of the region of interest. In breast imaging, a wider FOV should be
particularly desirable in following up suspicious regions and in detection of preclinical disease. To follow up in 3D the morphology
of a large lesion and its effect on surrounding tissue, a larger FOV will be essential. A combination of extended volume i 1mag1ng
and multimode (gray-scale and color Doppler) imaging would even allow tracking of vascular and tissue morphology
simultaneously in high-quality images. Screening of women at very high risk for breast cancer is beginning to draw more interest in
US imaging, with incidental detection of malignant foci at locations removed from the site of suspicion (29). Accordingly, extended
volume imaging is likely to increase the sensitivity of US imaging in breast cancer detection. A wider FOV will also help in
covering previously scanned sites and thus determining changes over time in screening of high-risk groups, tracking of suspicious
regions, or monitoring response to treatment. Although radiologists and sonographers can reach high skill levels, it is often difficult
for some operators to ensure that the same views are obtained in two or more serial studies. Interpretation is also complicated when
the interpreter has not personally performed the examination. Both problems could be reduced with extended volume imaging,

The accuracy of coregistration of partly overlapping volumes appears to depend on the size of the overlap. It is possible that the
larger the overlap the more common structure is available to align the scans and the less the registration algorithm is potentially
affected by noise. The minimum overlap required for acceptable registration accuracy can vary with the information content of the
data sets. However, in the examples studied so far, a 1-cm (25%) overlap generally produced acceptable registration, judged by
visual inspection.

Coregistration of sequential studies may enhance manual (visual) detection of changes in several ways, and may eventually
allow semiautomatic or automatic volume change estimations. First, the registration corrects for slight changes in scan position and
view direction, and thus allows direct comparison of the same areas imaged at different times. This may resolve ambiguities in the
actual location of the scans and may also help in detecting subtle changes that go unnoticed in unregistered scans. Second,
registered sequential scans allow new display techniques that emphasize changes between scans, such as the difference image
shown in Figure 5d. Use of this type of difference image may enhance and accelerate the detection of changes, and it may ultimately
be possible to segment regions of shrinkage and growth for rapid, semiautomatic volume change estimations. Third, if the
registration is predominantly based on a mass and its boundaries, and if nonrigid linear or nonlinear transformations are used, the
registration could map the boundaries at one time point to the boundaries at another time point. The transformation matrix itself then
contains information about size changes and could also be used for semiautomatic volume change estimations. Note also that the
registrations can be obtained semiautomatically and with limited user interaction. Manual registration in 3D by visual comparison of
two volumes may be possible, but it is & time-consuming and tedious process and subject to user variability.

For serial studies, the extended volume imaging technique might be combined with coregistration of scans obtained at different
times. This would allow the visualization and quantification of changes in large lesions over time. In fact, the acquisition and
composition of an extended FOV might prove to be necessary for tracking large, rapidly changing, lesions because, in this case, a
small FOV might not contain enough unchanged structure (which is usually found well outside the volume of the mass) for the
coregistration to work properly. If routinely used in serial studies of women with high risk of breast cancer, coregistration could
help detect early changes not apparent in multiple small-FOV scans, thus increasing the chances of effective treatment.

For validation of quantitative measurements made in coregistered image sets, automated error estimation is desirable. The quality
of coregistrations can vary greatly with the available mutual information, which depends on the amount of shadowing, specular
reflectors, and local tissue deformation present in the image sets. Manual evaluation, as in the examples presented here, may not be
practical to ensure accuracy of quantitative measurements of dimensions over large distances.

A variety of automatic evaluation techniques can be envisioned and will be explored and compared with each other and with
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manual yaluation to find the most accurate and practical method.

An accurdcy measure similar to the average alignment error obtained manually can be computed by splitting up the two registered
volumes into a2 number of subvolumes and performing an iterated registration on each of the pairs of subvolumes, by using simple
rotate-translate or full affine transformations. Since the subvolumes are already approximately aligned, the control points for the
second registration can be placed automatically and do not require user interaction. Assuming that the main cause of error in the
initial registration is local tissue deformation unaccounted for by the global deformation model applied, an iterated registration on
small subvolumes should greatly increase the accuracy of the alignment. If the remaining error after the second registration is
assumed to be small relative to the initial error, the registered subvolumes can be used as references representing "true” alignment.
The mean translation vector of all subvolumes from their positions after the first registration to their positions after the second
registration can be used as an estimate of the average alignment error. Compared with the manually obtained estimate it will have the
advantage of covering the entire volume and being almost user independent.

Alternatively, instead of splitting up the volume and performing linear geometric transformations on each subvolume, a reference
registration using a global nonlinear transformation can be obtained. The data sets can be registered with a warping transformation
defined by an increasing number of control points until the mutual information of the final registration converges. Thus the mean
warping distance of the final transformation can be used as another estimate of the alignment error after the initial registration.

Both manual and automatic estimation of average alignment errors can be validated by scanning tissue phantoms with an
additional, known distribution of point reflectors. The point reflectors are common landmarks in the registered sets that can be
unambiguously identified, thus enabling an accurate manual error estimation that can serve as a standard of reference. For the

" registration procedure, the point reflectors must be deleted from the digitized data sets (replaced by zero values); otherwise, they

would provide additional information that leads to better registration than in the tissue phantom alone. The same data sets (with the
point reflectors removed) can be used for both manual and automatic error estimation and compared to the reference standard based
on the original data sets.

A problem with phantom studies is the difficulty of accurately simulating breast tissue, including phase aberrations and tissue
deformability. Current phantoms known to the authors either do not exhibit the aberrations present in real breast tissue or are much
less deformable than breast tissue (30). As a result, the registration obtained in phantoms might be more accurate than in in vivo
breast scans and therefore be unsuitable as a reference standard.

The accuracy information also helps determine which kind of mapping transformation is needed to provide clinically useful
registrations. In the present study, only global linear (full affine) transformations were used. In cases with strong local tissue
deformation, nonlinear warping transformations might be required to keep the registration error small. With warping, the
registration algorithm may locally deform the 3D image set in order to map deformed tissues. Initial studies showed that including
nonlinear transformations can increase the mapping accuracy significantly (31).

In future studies, the techniques developed here in breast scans could be applied to scans of other organs. Since phase
aberrations and tissue deformability, which introduce registration errors, are particularly strong in breast tissue, registrations in
liver, kidney, prostate, and other organs are likely to be at least of similar quality as the examples shown here.

[ Previous: Results ] [ Next: References ]
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Abstract—A prospective study was performed in 24 women with breast masses on mammography going
. on to surgical biopsy. 2D and 3D power mode and frequency shift color flow Doppler scanning and display
were compared. Vessels were displayed as rotatable color volumes in 3D, superimposed on gray-scale slices.
The latter were stepped sequentially through the imaged velume. Radiologists rated the masses in each
display (3D, 2D and videotapes) on a scale of 1 to 5 (5 = most suspicious) for each of six conventional
gray-scale and six new vascular criteria. Thirteen masses proved to be benign and 11 were malignant. 3D
provided a stronger subjective appreciation of vascular morphology and allowed somewhat better ultra-
sound discrimination of malignant masses than did the 2D images or videotapes (specificities of 85%, 79%
and 71%, respectively, at a sensitivity of 909 ). Only in 3D did the vascularity measures display a trend
towards significance in this small study. © 1997 World Federation for Ultrasound in Medicine & Biology.

Key Words: Blood, Angiogenesis, Blood volume, Perfusion, Ultrasound, Doppler, Image processing, Three-
dimensional imaging, Breast cancer, Diagnostic imaging.

INTRODUCTION malignancies, rapid, intense and/or extended enhance-

In order to further standardize breast-lesion vascularity ment with CT, radionuclide and MRI cqntrast agents
measures, allow better appreciation of the 3D vascular are a feature f)f all or part of most malignant breast
lesions (Sakki 1974; Chang et al. 1982; Watt et al.

morphology, and evaluate information provided in the ) i

new power-mode color-flow images, 3D acquisition 1986; Wahl et al. 1991; Chenevert et al. 199.4) )

and display techniques were developed. A study was In recent years, therefore, there has been increased

performed using 3D ultrasound examinations of interest in- using Doppler ultrasound when examining

women with breast masses scheduled for subsequent solid breast lesions to differentiate malignant from be-

breast biopsy. Each examination consisted of 1 or more nign lesions. Some earlier studies began with the sim-

power-mode 3D scans, a frequency-shift 3D scan of ple criterion of the presence of detectable vasculature
near or in the lesion as-a positive indicator of malig-

the mass and surrounding tissue, (usually) a video tape :
record of these scans, and 2D films of interesting gray- nancy (Dixon et al. 1992; Adler et al. 1990; Cosgrove
and Lees 1994; Carson et al. 1992; Lagalla et al. 1994).

scale and vascular features at the time of the examina- . 7 >
tion. : Other indicators were added, with varied levels of suc-
Angiogenesis associated with tumor growth has cess. The robustness of the simplest criterion, presence

of detectable vasculature near or in the lesion, as well

been claimed to be an indicator of malignancy and
possible predictor of metastasis (Folkman and Shing as most other vascularity measures, suffers because the

© 1992; Weidner et al. 1992; Weidner 1995). Studies threshold is dependent on machine sensitivity. Mea-

sures based on color velocity values appear to be more
robust than color pixel density (Fein et al. 1995).
Other studies have utilized the velocity informa-

suggest that there are fundamental differences between
benign and malignant vasculature. As in many other

Address correspondence to: Paul Carson, Ph.D., Professor of tion provided by spectral Doppler and color flow
Radiology, Kresge III, Rm. R2315, University of Michigan Medical ) : Ii b Iculati
Center, Ann Arbor, MI 48109-0553 USA. E-mail: pcarson@ Doppler to characterize malignancy by calculating pa-
umich.edu rameters, such as peak flow velocity, resistive index,
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and pulsatility index (McNicholas et al. 1993; Kuijpers
et al. 1994; Madjar et al. 1994; Peters-Engl et al.
1995). The results from these studies have been highly
mixed, as might be expected for local measures of
complex tumor structures using incomplete search pro-
cedures.

Another method to detect malignancy involves
observation of the vascular pattern. This can entail
counting vessels (Heilenkotter and Jagella 1993;
McNicholas et al. 1993; Madjar et al. 1994 ), counting
vessels that penetrate a mass (Bergonzi et al. 1993;
Calliada et al. 1994; De Albertis et al. 1995), and
evaluating vessel morphology such as tortuosity
(Heilenkotter and Jagella 1993; Calliada et al. 1994).
The excellent quality and relative simplicity of dis-
playing color-flow image data in 3D was illustrated by
Picot et al. (1993). 3D volumetric quantitative mea-~
sures, such as color pixel density and mean color value,
have also been investigated (Pretorius et al. 1992; Car-
son et al. 1993; Huber et al. 1994; Kedar et al. 1995).
Normalization of the signal levels to the level from
the largest blood signal at the same depth, and other
3D measures of the power mode signal have been in-
troduced (Carson et al. 1993). Most of these vascu-
larity studies yielded similar results, with a quoted
sensitivity of around 90% and a specificity of around
70%, or vice versa, depending on how the criteria were
chosen. Clearly, there are often differences between
malignant and benign vasculature that can be detected
by Doppler ultrasound, but the value of Doppler im-
ages in addition to pulse echo studies is still debated
strongly.

The difficulty in providing accurate differentiation
between benign and malignant masses includes more
than just finding definitive or dependable measures.
The vascularity in some patients may be changed sys-
temically or locally around lesions due to other factors,
such as the increased vascularity resulting from needle
aspiration (Kedar and Cosgrove 1994). Systemic
acoustic differences between patients can be accounted
for by comparison to the contralateral breast (Scher-
zinger et al. 1989; Blohmer et al. 1995). Other factors
that can cause ambiguity are differences between ma-
chines, machine settings, depth of the lesion, properties
of overlying tissues, and Doppler angle. In most stud-
ies, many of these factors are ignored, making the
results difficult to reproduce.

Diagnosis does not have to rely on vascularity
independent of other indicators. Some investigators
with careful technique and good equipment have be-
come very skilled at cancer discrimination using pulse-
echo gray-scale analysis (Venta et al. 1994; Leucht et
al. 1988). When the objective was clearly defined as
prevention of unnecessary biopsies and the gray-scale
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criteria for designating a lesion as benign were very
stringently set, Stavros et al. (1995) achieved a false-
negative rate of only 0.5% in a population of 750 bi-
opsy-proven cancers. In that study. decisions based on
the ultrasound appearance would have eliminated 420
of the 750 scheduled biopsies, with 2 malignant masses
being missed. If independent measures such as vascu-
larity were added only to distinguish benign or proba-
bly benign from malignant lesions, this extremely
small false-negative rate might be achievable in more
centers.

A recent large multicenter study with modern
color-flow systems (Goldberg et al. 1993) suggested
that ultrasound evaluation of breast lesions has been
significantly improved in the past few years. Although
some of the participating investigators concluded that
the additional information from color-flow was mar-
ginal, others reported that the improvement in speci-
ficity of ultrasound over mammography was statisti-
cally significant only if Doppler results were added
to the pulse-echo results. The addition of color-flow
Doppler to the B-mode improved the diagnostic accu-
racy by an amount approximately equal to the benefit
of adding ultrasound to mammography ( Cosgrove and
Lees 1994; Cosgrove et al. 1993). Positive predictive
value almost doubled over mammography alone and
the false-negative rate was only 1.7%.

The possibility of new methods for regional vas-
cularity assessment (Dymling et al. 1991; Carson et
al. 1993) helped motivate the development of medical
color-flow imaging with display of the Doppler signal
power, instead of the estimated Doppler frequency
shift (Rubin et al. 1994 ). The combination of high-
resolution power Doppler and frequency-shift color
Doppler imaging now provides the opportunity to as-
sess the accuracy of regional vascularity (Rubin et
al. 1995) and provide more qualitative studies with
available instrumentation. such as the research reported
here.

METHODS

Women were selected after identification of a
mass based on mammography and/or clinical exami-
nation. Masses of very low suspicion (e.g., most fi-
broadenomas) were not included. All patients in the
study were scheduled for surgical biopsy of the mass
as part of their clinical management. Informed consent
was obtained from all participating women. 3D scans
were acquired using the system described and depicted
in Moskalik et al. (1995). The system consisted of a
conventional ultrasound scanner (Spectra VST, Dia-
sonics, Inc., San Jose, CA, USA), a modified mam-
mography unit that applies mild compression to immo-
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bilize the breast. a frame grabber that is used to acquire
video images from the uitrasound imager, and a motor-
ized transducer positioner mounted on the mammogra-
phy unit. A typical scan through an acoustically trans-
parent window produces a 3D volume of ultrasound
data of the suspicious region of the breast from a series
of approximately coronal 2D images. These are sepa-
rated typically by approximately 3/f (mm), where f
is the Doppler imaging frequency in MHz, or, prefera-
bly. by half the 6 dB focal slice thickness. These empir-
ical relations are based on our experience with main-
taining enough coherence between adjacent slices to
allow continuous volume rendering of the vasculature.
At the 6-MHz Doppler frequency of our 6—10 MHz
linear array, the step size was 0.5 mm. This is accom-
plished by mounting the imaging array to the posi-
tioner. The breast is placed in the mammographic unit,
and the array is moved in 0.5-mm steps across the
region of interest as the frame grabber acquires the
2D images. Data from the 50-120 images are then
transferred to a workstation. With the linear array scan-
head employed for this study, the images were typi-
cally 38 mm by 40 or 50 mm. Power-mode Doppler
ultrasound was performed at a PRF of 700Hz, and an
ensemble length of 14, the minimum sample length
and the maximum gain not producing frequent color
noise. The 2D images utilized for comparison with the
3D included the best free-hand images photographed
during a conventional color-flow study, which also
served to help identify the mass region for the 3D scan.
Also available to the readers when desired for the 2D
interpretations were the individual digital images re-
corded during the slowly stepped slices from the 3D
acquisitions. This helped assure that at least as much
ultrasound information was potentially available for
the 2D as for the 3D readings. The videotapes usually
included much of the preliminary searching for the
correct region for 3D scanning, and often included the
real-time display of the slowly stepped 3D scanning.

Two types of analysis are being performed with
the resulting data. The analysis reported in this paper
is comparative assessment of visualization using 3D
and 2D imaging techniques, with and without vascu-
larity criteria, as described below. The other analysis
currently in progress is measurement of the signals
produced in the 2 color-flow modes guantitatively to
estimate vascularity features in various 3D regions of
interest in and around the suspected masses (Carson
et al. 1995).

Of 37 attempted studies, 24 were performed satis-
factorily and were reviewed by 2 of the 3 reviewers
in both the 3D display and 2D images. Eleven masses
were pathologically proven to be cancer, five were
fibroadenomas, and eight were other benign masses.
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Videotapes were available or technically acceptable on
14 of 24 cases, allowing videotape analysis on five
cancerous, three fibroadenomatous, and six other be-
nign masses. The order of viewing of the 3 display
types by an individual reader was rotated randomly.
In the conduct of research where humans were the
subjects, the investigators adhered to the policies re-
garding the protection of human subjects as prescribed
by 45 CFR 46 and 32 CFR 219 (Protection of Human
Subjects).

There are 2 dominant methods of displaying rela-
tively simple 3D objects, such as a few blood vessels.
which fill a small fraction of the imaged volume. One
method commonly employed in MR angiography is to
trace rays in straight lines through the 3D data set and
make a projection image like a radiograph with the
dominant tissue representing x-ray attenuation as the
detected blood flow. Usually, only the pixel with the
strongest power-mode signal or highest frequency shift
is represented along a given ray. This method is also
being employed in several commercial and commer-
cial-prototype packages for 3D ultrasound displays. As
employed in our work, the second method requires
setting a threshold Doppler power-mode signal level
or threshold Doppler frequency shift, depending on the
imaging mode. All adjacent pixels at that signal level
are connected by 3D surfaces. termed isosurfaces.

With either display method, the selected 3D data
can be viewed from any given angle. A rotating 3D
display of vasculature that does not fill the volume too
densely is effective at revealing the 3D morphology.
With substantially more computing power, the 3D dis-
play can be rotated and shown in correct positional
relationship with selected 2D slices of the full gray-
scale/color-flow data. Addition of the gray-scale im-
age or full gray-scale plus color image requires rapid
texture rendering, as well as the isosurface rendering.
An example of the Doppler isosurface-plus-gray-scale
type of display is shown in Fig. 1. Throughout this
study, the 3D display was offered as any desired com-
bination of: 1. Stepping through the color flow images
in their correct orientations; 2. Continuous 3D render-
ing of the vasculature, while either (a) stepping
through the stack of 2D images, (b) rotating the vascu-
lar volume along with 1 chosen gray-scale slice, or (¢)
rotating the vasculature only.

Recently, we have developed 2 methods of im-
proving the display technique with respect to the time
required fully to appreciate the 3D vasculature and its
relation to the gray-scale features of the lesion. These
have been demonstrated on data from a few of the
subjects in this study. The acquired stack of gray-scale
slices is viewed sequentially with no vascular isosur-
face. In one of the new methods, a translucent render-
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Fig. 1. 3D vascularity display utilizing isosurface rendering
of power-mode data taken from a 45-y-old subject with inva-
sive intraductal carcinoma. The gray-scale slice plane is
shown in correct spatial relationship to the vessels. The last
gray-scale plane is shown here so as not to obscure any of
the vasculature. The position of the gray-scale information
is usually moved through the volume-rendered vascularity.
The entire volume is then rotated further to increase geomet-
rical perception of the vascularity in relation to 1 or more
gray-scale slices.

ing of the vasculature is shown superimposed on the
gray-scale stack after every 3 to 4 steps. In the other
method, the 3D vascular rendering is shown in a sec-
ond window beside the sequential display of the gray-
scale slices. A frame outline or a nearly transparent
gray-scale slice is stepped through the 3D vascular
rendering to reveal the location in 3D of the gray-
scale slices being displayed in the first window. Both
methods make it easier to correlate gray-scale informa-
tion with vasculature, without hiding gray-scale infor-
mation by the vascular rendering. When very fast dis-
play update is desired, a preprocessed stack of images
is shown, although this is now becoming less neces-
sary. The rendering of the images into a video or com-
puter-displayed movie is also automated using a com-
mand line interface to our 3D rendering and image-
processing software (Advanced Visualization System,
AVS).

After imaging, the masses of the 24 women were
then classified fibroadenoma, other benign or cancer;
the first 2 categories were then grouped for analysis
as noncancerous. With the videotape display, not all
the masses were evaluated. The utility of the gray-
scale and vascular criteria in discriminating malignant
from benign masses was evaluated. To make this eval-
uation, assumptions concerning the relative frequency
of malignant and benign masses in the populatidn of
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interest and of the relative costs of misclassification
were required. It was assumed that 20% of all masses
are malignant, and 80% of all masses are benign, con-
sistent with a typical mix of positive and negative find-
ings at biopsy in a screening situation. There is a tre-
mendous potential flexibility in the ratio of true-posi-
tive and true-negative findings in mammography
clinics. The fact that typically only 20% of the cases
recommended for biopsy prove malignant is a reflec-
tion of a broad medical judgment that the cost, in a
very general sense of the word, is 5 times higher for
a false-negative than for a false-positive. This ratio
was assumed for the discriminant analysis.

With these assumptions, the linear discriminater
using both the gray-scale and vascularity indices that
minimized the expected total generalized cost was esti-
mated. Probabilities of misclassification were esti-
mated using cross-validated resubstitution, that is, each
observation in the sample (the training sample) was
withdrawn, the discriminating function reestimated.
and then the withdrawn obsérvation was classified.
This technique produces a relatively conservative esti-
mate of the error rate. ‘

RESULTS

A gray-scale example of the 3D rendering of the
vasculature (usually displayed in color) is shown in
Fig. 1. This example represents a 3D ultrasound scan
of a mass in a 45-y-old woman with microcalcifications
in the left breast detected at mammographic screening.
A nonpalpable 7-mm intraductal carcinoma (comedo
type) with negative margins was diagnosed in a gen-
eral area of florid fibrocystic change. A more com-

“plete illustration of the 3D display can be viewed on

the Internet. The Internet images are compressed
with some loss of resolution for improved display
speed and storage considerations. The address on the
World Wide Web is: http://www.med.umich.edu/
ultrasound/breast_anim/develop/Case38.htmi. In-
structions are given for. viewing this animation with
shareware such as Apple’s Sparkle. In the Internet ex-
ample, one of the new display techniques is illustrated.
The gray-scale images are stepped through the volume
in their relative 3D positions at a fixed rate. Following
every 4 ultrasound slices, a view of the 3D Doppler
signal isosurfaces is shown in place of the gray-scale
for the duration of four image cycles.

The images were obtained in a coronal plane, with
the central ultrasound beam at a 3 o’clock angle, but
shifted approximately 2.5 ¢cm cephalad to the level of
the nipple. The beginning and ending frames, in the
front and back of Fig. 1, respectively, are approxi-
mately 50 mm and 31 mm from the nipple. The small

pes
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Table 1. Six gray-scale criteria were defined with scales from 1 to 5.
5 being those characterized as the most malignant.

Criterion description

Benign extreme (1)

Malignant extrzme (5)

Smooth, no lobulations

Microlobulaticns

1 Margin of mass/smoothness

2 Shape Spherical Highly irregulzr
3 Sound attenuation of mass Enhancement Strong shadowing
4 Echogenicity of mass Cyst or echogenic mass Hypoechoic

5 Orientation of mass Flattened Taller than wide
6 Visibility of margins Sharply defined Diffuse margizs

Scaling of Criterion 4, texture of mass. is not a linear scale because it is used to first distinguish

between cystic and solid masses. Therefore, a rating of 1 corresponds to anechoic (cystic) and
ratings 25 are solid masses, with 2 being most echogenic and 5 being hypoechoic.
+

cluster of microcalcifications seen on the mammogram
corresponds to the upper left of slice 40, proximal to
its acoustic shadow. This is at the end of a probable
earlier surgical scar, apparent from a sharp shadow
seen at approximately that location in the preceding
few images. Significant vascularity wrapping around
the margins of a tissue region is not seen until slices
109 to 133. The tissue partially enclosed by vascularity
is slightly hypoechoic, but otherwise unremarkable.
To help standardize assessment of the gray-scale
and 3D vascularity measures in breast lesions, the crite-
ria in Tables 1 and 2 were developed for this study.
These criteria were taken from the literature and our
own experience. The central vascularity of tumors
greater than 2 cm diameter was not evaluated, specifi-
cally because it was expected that the degree of necro-
sis would be highly variable and not diagnostic. Central
vascularity is being evaluated in a companion quantita-
tive study of these subjects (Carson et al. 1995). Table
3 shows results on several of the vascular criteria that
individually were considered good discriminators be-
tween benign and malignant masses, because they re-
ceived higher ratings on the 1 to 5 scale for cancer
than for benign masses. For example, mean ratings
from the 3D display for criterion 1, vascularity in the
outer 1 cm of the mass, was 3.3 for malignant masses
and 2.2 for fibroadenomas and other benign masses.
With all 3 displays, vascularity from the mass border

to 1 cm outside the mass (criterion 2), provided less
discrimination between cancer and fibroadenomas than
did vascularity in the mass. This is consistent with
the diagnostic criterion that fibroadenomas and cancer
have extensive external vascularity, but the vessels
rarely penetrate the fibroadenoma (Bergonzi et al.
1993; Calliada et al. 1994; De Albertis et al. 1995).
The last 2 vascular criteria in Table 2 were positively
correlated with malignancy, but were not as discrimi-
native individually. In the analysis below. they did not
‘contribute positively to discrimination using criteria
averages and were considered no further.

The radiologists reported a subjective improve-
ment in understanding of the overall morphology and
distribution of vessels resulting from the 3D images,
as indicated by the relatively good benign/malignant
discrimination in 3D by criteria 1-3. There was also
an impression. by the readers that hand searches in 2D
for the correct angles to reveal shunting might be done
as well, or better, in some cases, than in 3D. Overall,
the morphology and extent of vascularity were be-
lieved to be seen much better in power mode than in
frequency-shift mode.

In comparison with the 2D displays. there was
thought to be little subjective advantage in reading
gray-scale criteria with the 3D renderings. What im-
provement was observed was from seeing the gray-
scale slices sequentially in their correct 3D locations.

Table 2. Eight vascular criteria were defined, also scaled from 1 to 5, 5 being the rating
of the most malignant character of a criterion.

Criterion description

Benign extreme (1) Malignant extreme (5)

Vascularity in mass (outer cm)
Vascularity outside mass (to 1 cm away)
Visible shunt vessels

Vessels wrapping around mass
Tortuosity of vessels

Apparently related vessels, beyond 1 ¢m
Unusual vascularity, no associated mass
General enlargement of breast vessels

00~ AW P Wi —

None Extensive (> 25% of mass)
None ' Extensive (> 25% of area)
None : Very clear or more than 2
None Total involvement > 240°
Gently curving Very tortuous

None Unusually large, fast flow
None Multiple, large, fast low

None Extensive

F
R
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Table 3. Examples of results from four
of the vascular criteria.

3D 2D Video

1. Mass vascularity. outer 1 cm

Benign 22 2.0 2.4

Fibroadenoma 2.1 2.0 23

Malignant 33 29 2.9
2. Vascularity outside mass 1 cm

Benign 24 2.2 2.6

Fibroadenoma 32 2.7 2.5

Malignant 37 2.9 2.8
3. Visible shunt vessels

Benign 2.1 1.5 1.2

Fibroadenoma 1.6 1.6 2.0

Malignant 27 0 24 2.6
4. Vessels wrapping around mass

Benign 1.9 1.7 1.6

Fibroadenoma 2.8 2.2 2.5

Malignant 35 2.6 2.4

The numbers represent the mean ranking for the given criterion
over all readings of that mass type: malignant (n = 11), fibroadeno-
mas (n = 5) and other benign masses (n = 8). Noting that a rating
of 1 is most benign and a 5 most malignant in appearance, 3D
generally received higher rankings because more vascularity was
detected. 3D also provided a wider separation between malignant
and other masses on all but Criterion 3. '

The results of the discriminant analysis described in
Methods are given in Table 4 and plotted as the solid
lines in Figs. 2—4. Videotape is probably inferior to
2D and 3D, although the small sample size may make
the comparison misleading. 3D appears slightly better
than 2D, but the discriminator lines are similar.

Relative contributions of gray-scale and vascular
indices in the linear discrimination were evaiuated for
each of the 3 displays. The p-values for significance
in the discriminators are given in Table 5. Only in
the 3D display did vascularity display a trend towards
significance in this small study.

ROC curves for decision rules using gray-scale
alone and gray-scale plus vascularity are shown for
the 3D display in Fig. 5a. In Fig. 5b, ROC curves for
decision rules using gray scale plus vascularity are
drawn for the 3 different displays. The accuracies are
the areas under these curves (Swets and Pickett 1982),
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with 3D having the largest accuracy. The discrimina-
tion threshold and numbers in Table 4 can be changed
from those arrived at by the assumed cost factors. Se-
lecting.a 90% ratio of true-positives to all cancers (sen-
sitivity in the group studied), the specificities for 3D,
2D and videotape displays were 85, 79 and 71%, re-
spectively. At that same sensitivity of 90%, the speci-
ficities for 3D displays with gray-scale criteria and
with gray-scale plus vascularity were 85 and 81%, re-
spectively. _

The visual readings as a function of lesion diame-
ter are revealing. Lesion diameters from the largest
among the mammography. ultrasound and pathology
estimates are given. The diameters in mm as means
(and ranges) are: malignant, 16 (6-25); fibroade-
noma, 17 (14-23); other benign masses 18, (7-29).
A plot of mean 3D gray-scale rating as a function of
this maximum diameter shows strong discrimination
of the smaller, 6~17 mm diameter, cancers from the
benign masses of equivalent sizes. This discrimination
is particularly good for cancer and fibroadenomas. 3D
vascularity readings separate most of the largest, 15~
25 mm, cancers (Fig. 6a). For fibroadenomas, the fig-
ure suggests an increase in vascularity with lesion di-
ameter. A combination of the 3D vascularity plus three
times the 3D gray-scale reading, all divided by four,
reflects the relative weighting (the slope) of the dis-
criminator shown in Fig. 2. This combination variable
provides good separation of malignant from nonmalig-
nant masses, as indicated in Fig. 6b. There is some

. suggestion that addition of lesion size information may
aid the discrimination provided by the gray-scale and
vascularity criteria shown in Fig. 2.

DISCUSSION AND CONCLUSIONS

New techniques for acquiring, displaying and in-
terpreting 3D Doppler power-mode and frequency-
shift color-flow and gray-scale images of the breast
were developed and employed in this study. Vascu-
larity, particularly the vascular morphology and extent,
were considered subjectively to be revealed better in
3D than in the 2D displays. This was true even though

Table 4. Results using the gray scale and vascularity linear discriminators.

Benign Cancer
Condition Specificity Pos Pr Val Neg Pr Val
Classifeid Benign TN Cancer FN Benign FP  Cancer TP TN(TN + FP) TP/ATP + FP) TNATN + EN)
Videotape 7 2 2 3 77.8% 60.0% 77.8%
2D 10 3 1 10 76.9% 76.9% 90.9%
D 10 3 0 11 76.9% 78.6% 100.0%

It was assumed 20% of all masses in the population to be studied are malignant and the financial and personal costs of a

false-negative classification are 5 times the cost of a false positive.
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Fig. 2. Scatter plot from the 3D readings of the average
ratings of the six vascular criteria versus the average ratings
of the six selected gray scale criteria. Benign masses are
shown as open symbols, fibroadenomas as (A) and other
benign masses as ({O). The malignant masses are shown as
(M), clustered near the upper right-hand corner, as expected.

The linear discriminator is shown as the solid line. .

all the slices of the 3D image acquisition were avail-
able for viewing in the 2D assessment, as desired. The
frequency-shift Doppler should emphasize the rapid
flow associated with many tumors. Vascular morphol-
ogy was better seen in power mode than in frequency-
shift mode, but the 2 Doppler modes were not com-
pared here. More extensive and angle-independent dis-
play of breast vascularity from compounded power
and frequency-shift mode color-flow imaging has been
illustrated by Moskalik et al. (1995), using reregistra-
tion of the different views. However, that technique
was not practical for these clinical trials.

For statistical analysis, the incidence assumption
that 20% and 80% of the masses are malignant and
nonmalignant, respectively, were based on a reason-
able mix for the group of patients usually going to
biopsy, rather than the group with mammographic or

palpable masses in this study. As listed in Tables 3 and

5. as well as Fig. 5b, videotape was probably inferior
to 2D and 3D in the discrimination of cancer (lower
sensitivity, specificity and negative predictive values).
3D was slightly better than 2D, with a higher sensitiv-
itv and negative predictive value.

Only in 3D did vascularity display a trend towards
significance. Statistical significance is, of course, a
function of sample size. If the distributions had been

Mean Grayscale Rating

Fig. 3. Mean visual ratings from the 2D images. Vascular
and gray scale criteria, the symbols and discriminator line
are as in Fig. 2. '

the same, but with a sample size 3 times larger, vascu-
larity would have been significant at p = 0.05. Had it
been 4 times larger and with the same results, vascu-
larity would have been significant at p = 0.01. With the
discriminators determined with vascularity and gray-
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- Fig. 4. Mean visual ratings from the videotapes of the actual
examinations. Vascular and gray scale criteria: the symbols
and discriminator line are as in Fig. 2.
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Table 5. The p values for significance in the gray-scale
and vascularity discriminators.

Gray-scale Vascularity
Videotape 0.0031 0.66
2D 0.0001 0.57
3D 0.0001 0.19

scale measures, the sensitivity, specificity, positive pre-
dictive value and negative predictive value of 3D were
100%, 77%, 79% and 100%, respectively. For these
numbers to be meaningful for reducing unnecessary
biopsies, 2 modest positive predictive value must be
achieved while maintaining a very high negative pre-
dictive value in a much larger study, including a mix
of all cases going to biopsy, not just those with identi-
fiable masses. This might be feasible in a large study
by increasing the assumed relative cost of false-nega-
tives in determining the discrimination line in a new
version of Fig. 2. It could then be determined if, with
these newer techniques, the results are better than those
(sensitivity, specificity, positive predictive value and
negative predictive value of 98.4%, 68%, 38%, 99.5%)
of the large gray-scale study of Stavros et al. (1995),
or the as yet not fully published multicenter study with
gray-scale and color-flow imaging (Goldberg et al.
1993. Cosgrove and Lees 1994). It might also prove
in the long run that vascularity imaging in the dense
breast would reveal some suspected cancers that are
not mammographically detected and might otherwise
be followed only by periodic exams.

Pulse echo ratings were quite similar for at least
the 3D displays and 2D images. This is as expected,
because, unlike the vascular display, we have not un-
dertaken the more difficult task of surface rendering
of gray-scale structures to show them in 3D much
better than in 2D. It was noted subjectively that, even
without the 3D vascular rendering, it was helpful to
see the gray-scale images in their proper relative loca-
tions in space, at least as a substitute for personally
performing the gray-scale scanning. Subjective impres-
sions were that the power mode revealed vascular pat-
terns more fully than did the frequency-shift mode of
color-flow images. However, that distinction between
modes was not the purpose of the study and was not
ratec systematically. '

The videotape was meant to simulate the physi-
cians performing the examinations themselves or. more
accurately. observing the real-time examination on a
remete monitor. Because videotaped images are of in-
ferior quality and that technique is rarely employed
clinically. examinations were not disqualified when
there was both no time for separate video recording

Volume 23, Number 6, 1997

and the scanner was in a condition such that we were
unable simultaneously to record the images digitally
and on videotape. The image reviewers rarely found
additional information on the videotape records and
had a clear preference for the other 2 displays.
Because of the rather large fluctuations in any
one vascular or gray-scale criterion in the visual
analyses, taking the maximum reading from any 1
vascular and 1 gray-scale criterion did not provide

3D
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T T T
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Fig. 5. ROC curves of the data in Figs. 2—-4. The curves are

for decision rules using: (a) Gray-scale alone and gray-scale

plus vascularity for the 3D display, Fig. 2. (b) Gray-scale
plus vascularity for the 3 different displays.
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Fig. 6. Visual readings as a function of the largest mass

diameter as obtained from 3 different measures of the mass

dimensions. Readings of: (a) Mean vascularity. and (b) A

combination in which gray-scale readings are weighted by
3 times those of the vascularity readings.

very good discrimination. Other combinations, such
as the average reading from the three criteria corre-
lating best with cancer discrimination in the sample,
performed only marginally better than any 1 crite-
rion. Only the average readings of the 6 mass-related
vascular criteria (excluding criteria 6 and 7 in Table
2) and the 6 gray-scale criteria provided good dis-
crimination. It might be hoped that overall vascu-

larity throughout the 3D volume scanned would be
a good discriminator because simple methods might
be developed to test that criterion. In this study, how-
ever, vascularity throughout the breast was not a
particularly good or even average discriminator. Ex-
amination time constraints did not allow a consistent
assessment of pulsatility or of a high density of small
vessel, multidirectional flow in the frequency-shift
color-flow images. These might be reassessed, par-
ticularly as small-vessel sensitivity of frequency-
shift color-flow imaging is increased via the instru-
mentation or contrast agents.

The apparent increase in vascular penetration of
a gray-scale-defined cancer (Fig. 7a, b), compared
with a fibroadenoma (Fig. 8a, b) suggests that vascu-
larity in the outer 1-cm radius of the mass, or its ratio
to the vascularity. immediately outside the mass, should
be quite important. However, in this small study, these
criteria, 1 and 2, did not stand out over the other mass-
related vascular criteria. The observation that the 2
youngest women with breast cancer also had the most
vascular lesions is consistent with the fibroadenoma
data of Cosgrove et al. (1993).

This research was, in part, an effort to develop
more specific hypotheses about visual discrimination
of breast cancer with 3D imaging of vascularity and
gray-scale features. It would be appropriate to test the
conclusions and discriminant values of this study on
an independent set of subjects. It is hoped that such
study could provide more information on whether or
not vascularity is a particularly good discriminator, and
possibly detector, of cancer in women less than 40 or
45 y old. '

At the initiation of this study, the types of 3D
displays employed were cumbersome, using af-
fordable equipment. However, 3D hardware and
software are improving rapidly and, indeed, are al-
ready at or close to functional speed for these tech-
niques for less than $25000 worth of computer com-
ponents and software, prior to packaging as a medi-
cal product. Now that dedicated chips for 3D display
in PCs are beginning to be produced in mass quanti-
ties, prices are falling rapidly.

The main issues in evaluating 3D versus 2D tech-
niques with ultrasound are different than those in the
other high-resolution tomographic modalities. Conven-
tional 2D ultrasound techniques generally include
rapid, intuitive, real-time searches from numerous
angles to find any views that best show features of
interest through the overlying aberrating tissues. By
comparison, any 1 3D scan might not have the best
viewing location and angle for most of the region of
“interest, even when guided by real-time 2D imaging.
However, 3D offers systematic scanning and imaging
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(b)

Fig. 7. Power mode-detected vascularity from a 2.5 X 2 cm malignant nodule in a 33-y-old woman is displayed

as bright regions of relatively smooth texture in (a) 2D and (b) 3D. (a) Power-mode color-flow image approxi-

mately through the center of the mass, with outlines of the identified mass region and a region 1 cm bevond. (b)

Power-mode-detected vascularity displaved as isosurfaces, with a pulse echo slice shown at the edge of the

scanned volume on the nipple side. Here, the nodule is outlined at its estimated gray-scale and palpable borders

by a translucent ellipsoid at the right posterior edge. Vessels surround and penetrate this ellipsoid. Example
penetrating vessels are marked by solid arrows.

of the entire mass region, scanned and sampled at rates high information content per view and reveals correct
optimized for pulse echo or color flow Doppler sensi- spatial relationships even in views that cannot be ob-
tivity. The 3D display also can be presented at a corive- tained directly in 2D scans. This paper represents a

nient time with full flexibility. The display offers a multidisciplinary development and assessment of state-
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(b)

Fig. 8. 3D displays of power mode-detected vascularity around a relatively vascular, 2.3-cm fibroadenoma in a
45-vear-old woman. (a) and (b) A gray-scale plane through the fibroadenoma is shown from each side, along
with the ellipsoidal volume selected to follow the gray-scale borders of the mass.

of-the-art 3D ultrasound techniques and offers encour-
aging, but not yet statistically significant. results as
to whether or not 3D imaging and display can offer
additional information to that provided by conven-

tional real-time ultrasound techniques in the evaluation
of breast lesions.
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Abstract

The purpose of this article is to demonstrate evaluation techniques for three-dimensional (3D) ultrasound (US)
imaging and their potential application in the discrimination and assessment of breast cancer. Our ongoing
studies include women with mammographically observed breast masses scheduled for biopsy. During US
imaging of suspicious breast lesions, transducer position is encoded for each power-mode and frequency-shift
color Doppler image and for each standard B-mode image, typically 90 images in each mode. Vessels are then
displayed as reconstructed color volumes in 3D, superimposed on gray-scale sections. Radiologists identify
suspicious masses and rate their appearance for conventional gray-scale assessment and for the new vascular
criteria. In an initial patient population, US discrimination of malignant masses in 3D volumes demonstrated
superiority over their two-dimensional counterparts. In the related patient group presented here, one particular
vascularity measure, speed-weighted pixel density, showed statistically different (P < .001) values for
benign (n = 13) versus malignant (n = 15) cases. Given the authors' modest success in discriminating
breast cancer in an initial patient pool with use of other vascularity measures, results of this second patient
population continue to suggest vascularity as a potential cancer discriminator.
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Introduction

Subjective assessment of Doppler ultrasound (US) imaging may be enhanced by more-quantitative analyses.
Displaying vascularity in three dimensions is relatively simple, since the image segmentation is performed by
the color Doppler flow imaging system, and sparse vascular patterns are easily appreciated in three
dimensions. A number of investigators (1-4) have done a good job of semiquantitative evaluation of color
Doppler flow image characteristics of the breast; however, it may be difficult to objectively sample the sparse
breast vasculature throughout the tumor volume in totally free-hand two-dimensional (2D) sampling. Stavros
et al have achieved promising results in the evaluation of breast cancer by using a multivariable gray-scale
assessment of 2D imaging (5,6). Cosgrove and Lees also indicated that the addition of color Doppler flow
imaging to B-mode imaging improved the diagnostic accuracy by an amount approximately equal to the benefit
of adding US to mammography. They state that the chance of malignancy after workup must be less than 2%
to consistently avoid biopsy (7).

Based on the potential benefits of combining three-dimensional (3D) sampling and quantitative assessments, a
preliminary study was performed to evaluate which Doppler signals might provide discrimination of breast
cancer from benign masses and to compare 2D and 3D US display modes. The amount of blood flowing as
indicated by power-mode color Doppler imaging (p-CDI) (8) and the velocity indicated by mean-frequency
color Doppler imaging (f-CDI) both lend themselves to quantitative measurement (). To evaluate information
provided with these measurements and to aid in visual assessment, we undertook a visual and digital analysis
of information in a study that included 3D US studies of 20 breast patients scheduled for breast biopsy. We
have subsequently analyzed studies of 28 patients, obtained with a different scanner. Three-dimensional breast
lesion image volume acquisition techniques and visualization schemes are presented here in general, and a
particular vascularity measurement (speed-weighted pixel density) obtained in each of four regions of interest -
(ROIs) in and around the mass is compared with standard gray-scale criteria for this current patient pool.
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Data Acquisition and Processing

In an early study, quantitative measures were calculated for 20 different subjects (10). Nine masses were malignant, four were
fibroadenomas, and seven were other benign masses. Each examination consisted of one or more p-CDI 3D scans and an f-CDI 3D
scan of the mass and surrounding tissue. The 3D scans in these clinical trials were acquired with the system described in a previous
study (9). This system consisted of a conventional US scanner (Spectra VST; Diasonics, Milpitas, Calif), a modified mammography
unit that applied mild compression to stabilize the breast, and a motorized transducer positioner mounted on the mammography unit. At
the 6-MHz Doppler frequency of our 6-10-MHz linear array, signals produced in the two color Doppler flow modes were measured to
quantitatively estimate vascularity features in various 3D ROIs in and around the suspicious masses. Click here to link to our Web site
and see an early example of a dynamic display technique that we used (11). In an earlier study, independent reviewers gave a higher
subjective rating to 3D displays relative to their 2D and videotaped counterparts in their abilility to highlight vascular morphology. In
addition, vascular criteria applied to 3D data volumes proved to be slightly more effective in cancer discrimination. For a more detailed
description, see Carson et al (11). On the basis of these prior experiences, we continued 3D US scanning with the modifications noted
below. '

Image Acquisition

The examples shown in subsequent sections were obtained with a new hand-held scanner (12) and a 7.5-MHz linear or 12-MHz array
scanhead (Logiq 700; GE Medical Svstems, Milwaukee, Wis). Acquisition of 3D US volumes is achieved with a step size between
scan planes of typically 0.5 mm for the 50-120 images per scan, covering a volume typically 35 x 45 x 45 mm. P-CDI images are set
to maximize sensitivity to small vessel flow, while f-CDI settings are a compromise between slow-flow detectability and aliasing.
Because of cyclic flow variations during the cardiac cycle, apparent variation in vessel diameter or flow (or possibly no detectable flow
during diastole) may occur with randomly timed image aquisition. To ensure that all of the Doppler images represent flow during
similar phases of the cardiac cycle, image acquisition is software-triggered externally by a cardiac-gated computer interface, which also
records transducer position and provides operator scan speed feedback. :

Scanning Apparatus

The hand-controlled transducer fixture device is designed to provide a guided trajectory for the transducer while the two spatial
variables, linear position and rotation angle, are measured, as shown in Figure 1. Mounted on the base platform is a miniature linear
bearing that allows motion of the transducer along the z axis, normal to the image scan plane. Behind the linear bearing and also
mounted on the base plate is a precise linear potentiometer. The translation of the transducer linearly changes the resistance of the
potentiometer, ultimately providing an output potential to our computer interface proportional to scanhead position. Resolution of the
linear encoder is dictated by analog-to-digital quantization, in this case corresponding to a distance of 18 micrometers. A lightweight
rotary optical encoder provides angular measurement by means of a quadurature decoder (designed and built in-house) and software
interface, providing an angular resolution of 0.04°. A window in the base plate allows scanhead contact with the patient. The operator
is instructed to glide the transducer head steadily during the scan and is also alerted to the beginning and end of the acquisition. Other
than a few brief instructions regarding the scanning protocol (ie, direction of scan, relative speed of movement, etc), no special
scanning technique is required to make the scan compatible with the subsequent 3D reconstruction.

http://ej.rsna.org/ej3/0103-99.fin/acquisition.htm!
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Figure 1. (a) Schematic of the hand-scan apparatué. (b) Photograph of the actual apparatus.

Post-Acquisition

Data are transferred from the scanner to a DEC Alpha workstation (Digital Equipment Corporation, Maynard, Mass), where individal
section planes are cropped and "stacked" to form a 3D volume. From the 3D image volume set, vessels are displayed as 3D color
volumes, superimposed on gray-scale sections, for the identification of suspicious masses. Our visualization software and related
processing modules facilitate 3D viewing. Presently, the clinician is able to position, tilt, scale, and adjust all axes of a "dynamic"
ellipsoid whose selection is based on the gray-scale borders of the suspicious mass. This radiologist-defined ellipsoid (RDE) serves as
the point of reference for all other ROISs, as described below. Most of the other ROIs are actually defined by the clinician's selection.
For the quantitative analysis of vascularity, the methods described in previous studies (2.10) are used. Quantities such as those
described previously (9.10) are presented in Table 1 and are calculated for each of the four ROIs defined in Table 2. Also, visual
gray-scale features are evaluated on a 5-point scale, averaged, and used for comparison with vascularity.

Table 1
US Vascularity Measures and Their Formulas

http://ej.rsna.org/ej3/0103-99.fin/acquisition.html
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Note.--Nb = no. of pixels with flow in them, Nt = total no. of pixels in the ROI, Pi = power
Doppler value of the i th pixel, Pb = estimated power value in 100% blood at the depth of the i th
pixel, Vi =Doppler speed value of the i th pixel. Vi is calculated from the mean frequency-shift value
assuming an isotropic distribution of vessels, because no directional information is obtained.

1. Lesion: normally from the outer gray-scale border up to 1 cm inside

2. Lesion, proximal side only: hemiellipsoidal version of region 1

3. External periphery: mass gray-scale boundary up to 1 mm outside

4. External periphery, proximal side only: hemiellipsoidal version of region 3
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Examples of Volume Rendering

Figures 2 and 3 are taken from our second, and current, patient population. They serve to demonstate how lesion boundaries can be
defined for subsequent quantitative calculations, as well as provide an appreciation of the 3D gray-scale and and vascular renderings. A
revealing example of the information available with dynamic 3D can be seen in Figure 3. In our chosen coordinate scheme, x
represents the lateral direction, y the axial direction, and z the elevational direction. Thus, the scan plane itself can be considered a
constant "z" plane, having x-y (lateral-axial) coordinates. Similarly, the plane perpendicular to both the scan plane and the skin surface
is considered the constant "x" plane, while the plane at constant depth (C-scan) is the "y" plane. Note in Figure 3a and 3b the
excellent section-thickness (elevational) resolution obtained with this matrix array (so-called 1.5 D) transducer.

Figure 2. Two-dimensional and 3D power mode display of an elongated infiltrating ductal carcinoma in an 81-year-old
woman. (a) Three-dimensional view demonstrates two planes, one of which is the original scan plane and the second an
orthogonal plane that depicts the extent of the hypoechoic mass. (b) Two-dimensional image of the original scan plane
demonstrates a vessel penetrating the mass. (¢) Three-dimensional image with an ellipsoidal ROI defined by the gray-scale
borders of the mass, for quantification of vascularity. The ROI is shown as a translucent green ellipsoid, to depict the
approximate extent of the lesion, with the penetrating vessel seen as red. (d) Three-dimensional display with ROI in green and
surface rendering of the vascularity in blue. (Click any image to view its full-size version [<100 kB each]) .

http://ej.rsna.org/ej3/0103-99.fin/ct-vm2.htm!
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Figure 3. US scans of a 58-year-old woman with a nonpalpable mammographic lesion suspicious for cancer. On the clinical
mammogram, the suspect region appeared as a 1.3-cm macrolobular circumscribed mass with no microcalcifications. Final

pathologic studies revealed carcinosarcoma (half ductal, half chondrosarcoma). (a) Lateral-axial plane (scan plane, or z plane).

The smooth ellipsoidal borders (approximately 1.6 x 0.9 cm) of the mass, approximately 0.6 cm from the surface, could cause
the reviewer to miss the clearly malignant features in other views. (b) Axial-elevational plane (transverse plane, or x plane).
The shadowing in this view suggests malignancy, particularly on the right side of the overall mass shown. (c) The plane
shown here is arbitrarily oriented off either of the axes of the scan plane or transverse plane, and is slightly tilted. The slight
outcropping and shadowing on the right side of the mass further suggests a malignant portion to this overall hypoechoic
region. (d) Lateral-elevational plane (C-scan plane, or y plane). In this constant-depth view, unavailable from the scanner
itself, note the malignant multilobular diffuse appearance of the mass. () The tumor shows ROI definition in 3D and 2D
views. (f) Three-dimensional view shows irregular margins. (Click on images a-d to view full-size versions; images

e and f link to Quicktime movies [<] MB each]) .
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Analysis of Clinical Results

Measures of the amount of blood in a region (NPD,,,) and estimate of perfusion ([V][NPD, .. ), mathematically defined in Table 1 (where

max refers to the the maximum value calculated in the four regions described in Table 2), were plotted versus average gray-scale rating (1 =
normal to 5 = highly suspicious) and were evaluated for each subject in the previous study (10). Using discriminant analysis to classify cancer
versus benign masses and insisting on sensitivities of 100%, we achieved specificities of 82% and 90% for NPD_,, and ([V ]INPD_ .. 1),
respectively, when combined with gray-scale ratings. These specificities were higher than for gray scale alone, but the statistical uncertainty in these
numbers is large. Our second patient pool is aimed at adding greater statistical significance to these values and exploring other possible quantitative
measures. Figure 4 demonstrates one such measure, speed-weighted pixel density (SWD), as described in Table 1. It is mathematically
equivalent to pixel density times the average velocity and is thus similar to ([V, JINPD__ 1) without the power weighting. SWD . refers to the the

maximum or peak SWD value calculated in the four regions described in Table 2. As shown in Figure 4, the mean value of log(SWD,,,.) is
significantly different for the benign versus malignant groupings (P < .001 that the mean values are equal).

Figure 4. Plot of the log(SWD__ ) (ie, the maximum SWD value

EWME_SPEE(',“EW‘?" Pixel Density (5\'"?] for 2l for the four ROIs described in Table 2) for benign versus malignant
Benign Yersus Malignant Breast Lesions | breast lesions. Mean values and their standard deviations are shown
| for the two poopulations. As demonstrated by ¢ test results, the
- probability that the mean values of these subgroups are different was
statistically significant (P < .001).

- 2
g n=13)
a
x
2]
F o
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Comparative Results

Receiver operating characteristic (ROC) analysis was performed on the SWD measure and average gray-scale rating using ROCKIT software
provided by the University of Chicago'’s Department of Radiology (from the current version of an ROC software package developed by Charles E.
Metz, PhD. and his colleagues). Figure 5 demonstrates the predictive similarity between the SWD measure and the average gray-scale rating. The
graph shows the raw data and maximum likelihood estimates of single binormal ROC curves for both measures, given a subject pool of 28 patients.
The Az values calculated for SWD and gray scale were comparable, 0.88 and 0.84, respectively.

http://ej.rsna.org/ej3/0103-99.fin/ct-vm2.html
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Discussion

Our data transfer, processing, and visualization tools have been developed to the point where full 3D volumes
and vascularity surface renderings can be reviewed within an hour of the US examination itself. These
developments have facilitated the visualization of vascular morphology and made easier scanning through
entire US volume sets from different perspectives. In addition, we have provided the radiologist with a
straightforward method for defining reproducible ROI ellipsoids within a given US volume, which facilitates a
variety of quantitative measures. As demonstrated by means of ROC analyses, these objective measures of
vascularity (most recently SWD) in and of themselves have been shown to be as effective as subjective
gray-scale measures for our current patient population.

Given these observations, we believe that vascularity measures should improve the discrimination of benign
and malignant solid masses with US and that the results are probably applicable to different scanners. Larger
numbers of subjects and improved ease of performance of good vascularity examinations are now needed to
allow good judgments of the achievable diagnostic accuracy and cost-effectiveness of adding vascularity to
clinical US assessments of breast masses.

Ease of performance is well on its way, with advances occurring rapidly in 3D scanning, image analysis, and
image display. If power-mode and color Doppler flow measures (NPD and SWD) each, separately, continue
to perform comparably with gray-scale measures and almost as well as the power-mode and color Doppler
flow combination required for log[(V,,JINPD, . )] as demonstrated in our earlier report (9), then one of the

two color Doppler flow 3D scans can be eliminated to speed up the entire process. Alternatively, the US
system manufacturer could supply the power frequency signals simultaneously with sufficient signal dynamic
range for accurate assessments of the perfusionlike log[(V )JINPD_ .. )] on a pixel-by-pixel basis. For
imaging vessel patterns, little would be lost by requiring the same system settings for both frequency-shift and
power modes in a single image.

In these studies, gray-scale readings were performed by a radiologist highly experienced in breast imaging and

US. If vascularity measures on simple ROIs can perform at least as well as gray-scale assessments for the
experienced reader, the potential for use of vascularity measures in improving routine diagnosis is high.

Conclusions

Our modest success in discriminating breast cancer in an initial patient pool with other vascularity measures
and the results from this second patient population continue to suggest vascularity as a potential cancer
discriminator. Our visualization and quantization tools should continue to facilitate this process.
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Introduction

Although their benefits far oﬁiWeigh the risk of modest radiation exposure,
mammograms do present some shortcomings. Screening mammograms present
sensitivities of 68%-85% ' and 32% specificity 2, resulting in a number of unnecessary
benign biopsies. Development of cost-effective, non-invasive adjunctive techniques to
mammography for differentiating benigh from malignant masses would significantly reduce
the number of negative biopsies.

Capitalizing on the high quality of gray scale images produced by current
ultrasound (US) equipment, researchers have investigated discrimination techniques based
on gray scale measures (GS). Results describing visual gray scale criteria with a negative
predictive value as high as 99.5% have been reported °. Using the ability to visualize speed
and direction of blood flow, a host of studies have examined color flow Doppler imaging
as a discrimination technique. Studies based on color flow Doppler compared with those
based on gray scale imaging yielded mixed results, leaving the role of color flow Doppler
imaging still in debate *. Pursuing a multivariable approach, by combining gray scale
criteria with color flow and power mode Doppler, Carson et. al ° reported results of a
technique that discriminates breast masses with greater success than gray scale or
vascularity alone.

The research described here examines the performance of color flow Dopbler
signals, quantified as a Speed Weighted pixel Density. (SWD), when differentiating benign
from malignant breast masses. In addition, a multivariable technique is assessed using
vascularity (SWD) combined with each of the following: (1) patient age, (2) gray scale

measures, and (3) patient age and gray scale measures.
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Materials and Methods

Patient volunteers were recruited from women who presented a sonographically
detectable breast mass and were scheduled for biopsy. All patients were informed of the
institutionally reviewed and approved experimental procedure and provided written consent
prior to the examinatibn. Final diagnoses were obtained by histological analysis of biopsy
specimens. A total of 43 patients were scanned. Five patients were excluded from analysis
who were either post-lumpectomy, had scans which were not processed successfully, or
scans which exhibited severe Doppler artifact due to cﬁest wall motion during breathing.

An ultrasound evaluation for each patient was performed with a GE Logiq 700
scanner (General Electrical Medical Systems, Milwaukee, WI) using an M12 linear matrix
array scanhead (6 MHz Doppler, 9 MHz-gray scale). The scanned breast region measured
approximately 3 cm in length by 3.8 cm in width by 4 cm deep. The patient’s ECG was
acquired via a computer interface to a clinical ECG monitor and was used to trigger the
footswitch of the GE scanner. Thus, cardiac gating was effectively implemented to effect
image capture during systole and maximize the Doppler signal. Using gray scale mode, the
sonographer centered the mass in the scan window and verified the limits of the scan.
Standard scanner settings are listed in Table 1. Each 3D scan was acquired with a hand-
controlled scanning apparatus ®’. Interfaced to a PC, where scanhead positions are
acquired and stored for each image. 60-90 images per scan were stored m the cine loop,
and then were transferred to a workstation. The scan slices were stacked to render a 3D
volume. By averaging the slice to slice position data captured by the PC, estimated slice
spacing was available for the 3D volume reconstruction. For a more precise morphometric
analysis and multiscan registration see Kriicker et al. ®.

Each 3D volume was displayed in AVS/Express (Advanced Visualization Systems,
Waltham, MA) data visualization software, as a series of three intersecting planes (Figure

1). In-house tools designed with AVS/Express allowed a radiologist to review the slices
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and determine the margins of the mass. On each overall reconstructed color flow volume,
the radiologist selected a region of interest (ROI), which served to delineate the mass from
the surrounding tissue, and approximated the region with a dynamically positioned and
shaped ellipsoidal volume in the 3D volume. This ROI, was referred to as the Radiologist’s
ROI (ROR).

Based on the ROR, four regions were designated from which vascularity was
measured (Figure 2). These regions are: (1) the entire ROR, (2) the upper (proximal) half
of the ROR, (3) a 3 mm shell in the x, y, and z directions surrounding the ROR, and (4)
upper (proximal) half 3 mm shell.

Within each of the four regions, the vascularity information was quantified as the
sum of each color pixel weighted by its speed, vi, with the overall sum normalized by the
total number of pixels in the region, N:, The result is called the Speed Weighted pixel

Density (where N» equals the total number of color pixels).

Ne i
SWD=Y —

i=1Nt
Selecting the largest SWD from the four regions yielded the value, SWD_ .. Software was
developed with AVS/Express to compute SWD for all the regions.
Gray scale characteristics of the mass (margin smoothness, margin visibility,
shape, height, echogenicity, attenuation, homogeneity, and “overall suspicion”) were each
ranked on a scale of 1 to 5 (low to high suspicion) and averaged to produce GS,,, °. These

gray scale criteria were similar to those used in previous studies *°.

All gray scale images
were observed by the same radiologist.

Vascularity, age, and gray scale data were initially assessed with a Bayesian
discriminator ' which was applied to each possible pair of variables to produce the
combined indices SWD-Age, SWD-GS, and Age-GS. For all of these calculations,

LogSWD, ,, was used (a) to reduce the range of SWD and avoid dominance by a few cases

in the determination of discrimination functions and (b) to in some way linearize the
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increase in vasularity with (presumably exponential) cell growth in the cases of growing
masses. The three variable index SWD-Age-GS was also calculated from a Bayesian
discriminator, this time in three dimensions. Including the single variables (SWD, Age,
GS), all 7 incdices were compared by Receiver Operator Characteristic (ROC) curves as

well as by pair-wise univariate z-score tests 5.

% The authors are deeply indebted to Nancy Thorson R.T., for assistance with subject recruitment, records
and procedures. Patient data collection was performed with the assistance of Jochen Kriicker and Theresa
Tuthill Ph.D., who also contributed to statistical data analysis. Aaron Moskalik is acknowledged for his
software contribution.
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Results

The results are summaﬁzed in Figures 3 through 6 and Tables 2 through 5. Of 38
lesions, 18 masses were benign (mean patient age 48+12, ranging from 26 to 70) and 20
were malignant (mean patient age 56+9, ranging from 46 to 72 ). A summary of patient
diagnoses is presented in Table 2, and the distribution of SWD__ regions is provided in
Table 3.

To assess the various indices in relation to each other, we generated multiple 2D
and 3D plots similar to that presented in Figure 3. This particular example shows the
relationship between SWD and patient age. Applying Bayesian decision theory '° and
weighing the risk of false negatives the same as false positives, the resulting discrimination
line (darker upper line) is shown in the scatter plot of LogSWD_, vs. Age. The figure
illustrates the grouping of benign and malignant masses. The lower lighter line is drawn to
llustrate discrimination at 100% sensitivity. As an alternative representation, a combined
LogSWD,_,, and Age (SWD-Age) index for each case was computed using the slope of the
discrimination line. Figure 4 illustrates the SWD-Age index for each case as compared to
diagnosis. The lines correspond to those in Figure 3, where risks are equally weighted
(sensitivity 80% and specificity 89%), and where sensitivity is maximized to yield the
lower discﬁnﬁnating line (sensitivity 100%, specificity 72%). Applying an analogous
analysis to LogSWD,, vs. GS,, yields similar results. When LogSWD_,, GS,,,, and
Age are combined, the Bayesian discriminator separates the population with 95%
sensitivity and 94% specificity. When requiring a false negative rate of zero, this three
variable index demonstrates 94% specificity (true negative fraction) at 100% sensitivity
(true positive fraction) as shown in Figure 5. Table 4 summarizes the sensitivities and
specificities when optimized for sensitivity.

Figure 6 illustrates the Receiver Operator Characteristic (ROC) curves computed for
each index. The curves depict the maximum likelihood estimate of a single binormal curve

based on the respective index '° with the area under each curve representing the diagnostic
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accuracy ''. Performance of the indices is shown in the figure. Disregarding statistical
significance for the moment, the indices which performed the best were SWD-Age-GS and
SWD-GS, followed by SWD-Age, Age-GS, and finally the single indices GS, SWD, and
Age. Pair-wise univariate z-score tests of the difference between the areas under the
binormal ROC curves of the all variables are shown in Table'5. Note that Age is a
significantly worse diagnostic performer than all multi-variable indices and that SWD-Age-
GS performs statistically better than all single variable indices as well as Age-GS. The
results also show that GS alone does not perform Statistically better than SWD alone, and

there is no significant difference between any of the two-variable indices.
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Discussion

Earlier studies assessing the performance of color flow Doppler US in cancer
discrimination have relied on varied methods for vascularity measurement. Examination of
Doppler flow parameters, mean and maximum flow velocities; and spectral analysis, peak
systolic and end diastolic Doppler frequency shifts, have been performed **7. Additional
investigations include (1) qualitative analysis of Doppler images, observing the amount of
reflected signal associated with the mass, and (2) quantitative analysis, calculating the color

pixel density, or tabulating a Speed Weighted pixel Density for a region of interest >°'*+1%-

22.

In addition to exploring flow characterization and quantification, studies have also
examined the relationship between angiogenesis (suspected to be crucial for tumor growth),
metastases, >** and color Doppler signals 2**7. By /studying the correlation between color
Doppler and tumor microvessel density, a measure of angiogenesis, researchers have
shown that there is little correlation between Doppler flow parameters and microvessel
density 2>*’" concluding that Doppler US yields information mainly on tumor
macrovasculature.

Although these earlier studies assessing color Doppler indicate mixed support for £-
CDI in discriminating benign from malignant masses, the data presented by this study
indicates that LogSWD,_, may be useful when applied to ultrasonically discernible masses.
Comparison between the areas under the ROC curves, that is, the diagnostic accuracy,
indicated SWD performed rougﬁly the same as gray scale, and in combination with age
performed better than the Age-GS index. Possibly the success of SWD may be attributed to
speed weighting every pixel value. As a result, all flow information is considered when
discriminating masses. The weighting of high flow speeds, thought to be illustrative of low
resistance to flow often associated with vascular morphology of malignant masses, may

enhance vascular quantification. In addition, highly consistent system settings presumably
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were critical, as was the selection of a relatively high maximum velocity (6 cm/sec) to
balance sensitivity to flow with minimization of aliasing.

It has been reported that patient age may influence vascularity. There is some
evidence that vascularity of malignant masses decreases with age °. The results presented
here suggest that the inclusion of patient age with SWD (Az=0.94) improved discrimination
beyond that of SWD alone (Az=0.86). This suggests that future studies including
vascularity as a discriminating factor may be strengthened by considering patient age, or
possibly just menopausal status.

Based on a criterion that a 2% or less chance of malignancy is required to avoid
biopsy °, the SWD-Age-GS technique described in this study could provide a useful
discrimination tool. Based on a group of 38 patients, the findings suggest that by
combining vascularity, age and gray scale, the number of benign biopsies could be
considerably reduced.

Although vascularity has been presented as a potentially valuable measure in cancer
discrimination of sonographic masses, its addition, possibly in combination with age, must
provide better discrimination than Age and GS, to merit the addition of color flow to the
US exam. A larger group of patients will be required to show with statistical significance
that the combined index, SWD-GS-Age, offers consistently improved discrimination over
the GS-Age index.

Hypothesizing that there exists a shell thickness limit within which most of the
border vascularity information is contained, a 3 mm thickness was selected. Further
consideration of this distance is warranted. Future work includes computing vascularity
distributions as a function of distance from the mass border to assess the most
representative shell thickness for the mass. The ROR and shell were each divided into two
halves, proximal and distal, and SWD was computed for the proximal halves as well as the
entire volume. Sinceﬁhadowing by the mass is highly variable, the proximal ROR may be

a more accurate representation of vascularity than the entire ROR.
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Although our study describes a quantitative, and therefore objective, method for
vascularity measurement, there are some limitations. Inherent in the speed computation is
the assumption of isotropic blood flow. Specifically, the velocity as measured by the
scanner is multiplied by a scaling factor of 2 to account for an isotropic distribution of
Doppler angles. In addition the scans are performed with the transducer fixed perpendicular
to the breast surface. Therefore, the angle of the transducer cannot be rotated to find the
“best” representation of each given blood vessel.

The utility offered by these discrimination techniques relies on the objectivity of the
vasularity measures. Identification of a mass and ROR delineation are the least objective
steps in the vascularity analysis. The approach requires the radiologist to play a crucial role,
but once the ROR is selected, all subsequent processing is done in software, implementable
on commercial systems, with no adjustments as long as consistent scanner settings are
employed. Ultimately, discrimination is accomplished by combining SWD, a partially

objective measure, with patient age and GS, a subjective measure.




PT Bhatti et al.

Acknowledgments

This work was supported in part by USPHS grant IRO1CA55076 from the National
Cancer Institute and to a lesser extent by the U.S. Army Medical Research and Material
Command under Contract No. DAMD17-96-C-6061. The views, opinions and/or findings
contained herein are those of the authbfs and should not be construed as an official

Department of the Army position, policy, or decision.




PT Bhatti et al.

References

1. Rosenberg RD, Hunt WC, Williamson MR, et al: Effects of age, breast density,
ethnicity and estrogen replacement therapy on screening mammographic sensitivity and

cancer stage at diagnosis. Radiology 209: 511-508, 1999.

2. Sickles EA: Quality assurance. How to audit your own mammography practice. Radiol

Clin North Am 30:265-275, 1992.

3. Stavros AT, Thickman D, Rapp CL, et al: Solid breast nodules: use of sonography to
distinguish benign from malignant lesion. Radiology 196:123-134, 1995.

4. Wilkens TH, Burke BJ, Cancelada DA, et al: Evaluation of palpable breast masses with
color Doppler sonography and gray scale imaging. J Ultrasound Med 17:109-105,
1998.

5. Carson PL, Fowlkes JB, Roubidoux MA, et al: 3-D color Doppler image
quantification of breast masses. Ultrasound Med Biol 24:945-952, 1998.

6. Fenn RC, Fowlkes JB, Moskalik A, et al: A hand-controlled 3-D ultrasound guide and

measurement system. Acoustical Imaging. Lees S, ed., Plenum Press, N.Y. 23:237-

242, 1997.

7. Kriicker JF, LeCarpentier GL. Meyer CR, et al: Examples of 3D image registration for
multimode, extended field of view, and sequential US imaging. RSNA-EJ,

http://ej.rsna.org/ej3/0098-99.fin/titlepage.html, 1999.




10.

11.

12.

13.

14.

15.

PT Bhatti et al.

LeCarpentier GL, Bhatti PT, Fowlkes JB, et al: Utility of 3D Ultrasound in the
Discrimination and Detection of Breast Cancer, RSNA-EJ,

http://ej.rsna.org/ej3/0103-99.fin/titlepage.html, 1999.

Carson PL, Moskalik AP, Govil A, et al: 3D and 2D color flow display of breast
masses. Ultrasound Med Biol 23:837-849, 1997.

Fukunaga K: Hypothesis testing. In: Introduction to statistical pattern recognition. 2nd.

ed. New York: Academic Press, 51-58, 1990.

Metz CE: ROC analysis software. From: http://www-radiology.uchicago.edu/krl.
Chicago IL: Department of Radiology, University of Chicago, 1997.

Swets JA, Pickett RM: Evaluation of diagnostic systems: methods from signal detection

theory. New York: Academic Press, 1982.

Minasian H, Bamber JC: A preliminary assessment of an ultrasonic Doppler method for

the study of blood flow in human breast cancer. Ultrasound Med Biol 8:357-364,

1982.

Kedar RP, Cosgrove DO, Bamber JC, et al: Automated quantification of color Doppler

signals: a preliminary study in breast tumors. Radiology 197:39-43, 1995.

Madjar H, Prompeler HJ, Sauerbrei W, et al: Differential diagnosis of breast lesions by

color Doppler. Ultrasound Obstet Gynecol 6:199-204, 1995.




PT Bhatti et al.

16. Lee W], Chu JS, Huang CS, et al: Breast cancer vascularity: color Doppler sonography
and histopathology study. Breast Cancer Res Treat 37 :291-298, 1996.

17. Sahin-Akyar G, Sumer H: Color Doppler ultrasound and spectral analysis of tumor

vessels in the differential diagnosis of solid breast masses. Invest Radiol 31 :72-79,

1996.

18.Lee SK, Lee T, Lee KR, et al: Evaluation of breast tumors with color Doppler imaging:

~acomparison with image-directed Doppler ultrasound. J Clin Ultrasound 23:367-373,

1995.

19. Cosgrove DO, Kedar RD, Bamber JC, et al: Breast diseases: color Doppler US in
differential diégnosis. Radiology 189:99-104, 1993.

20. Huber S, Delormes S, Knopp MV, et al: Breast tumors: computer assisted quantitative

assessment with color Doppler US. Radiology 192:797-801, 1994.

21. Delorme S, Zuna I, Huber S et al: Colour Doppler sonography in breast tumors: an

update. Eur J Radiol 8:189-193, 1998.

22. Bell DS, Bamber JC, Eckersley RJ: Segmentation and analysis of colour Doppler

images tumor vasculature. Ultrasound Med Biol 21:635-647, 1995.

23. Folkman J, Merler E, Abernathy C, et al: Isolation of a tumor factor responsible for

angiogenesis. J Exp Med 33:275-278, 1971.




PT Bhatti et al.

24, Weidner N: Intratumor microvessel density as a prognostic factor in cancer. Am J

Pathol 147:9-19, 1995.

25.Lee WJ, Chu JS, Houng SJ, et al: Breast cancer angiogenesis: a quantitative

morphologic and Doppler imaging study. Ann Surg Oncol 2:246-251, 1995.

26. Buadu LD, Murkami J, Murayama S, et al: Colour Doppler Sonography of breast
masses: a multiparameter analysis. Clin Radiol 52:917-923, 1997.

27. Peters-Engl C, Medl M, Mirau M, et al: Color-coded and spectral Doppler flow in

breast carcinomas: relationship with the tumor microvasculature. Breast Cancer Res

Treat 47:83-89, 1998.




PT Bhatti et al.

Figure Captions

Figure 1. 3D, color Doppler scan volume with region of interest selected. Each slice
(right) represents an original image z-plane and approximately 90 of these are stacked to
form the overall 3D reconstructed volume. The intersecting color flow planes are shown
along with a blue-green 3D surface delineating the Volumé for calculation of tumor
vascularity. Despite the relatively smooth margins of this lesion, all multivariable indices
correctly identified this metaplastic carcinoma (with foci of invasive ductal carcinoma) as

malignant.

Figure 2. Schematic of Z-plane cross sections of vascularity quantification regions: (a)
complete ROR, (b) uppér (proximal) half of the ROR, (c) 3 mm shell surrounding the
ROR, (d) upper half 3 mm shell.

Figure 3. LogSWD,_, versus Age for 38 patients studied: 18 benign (open downward
pointing triangles) and 20 malignant (filled upward pointing triangles). A linear Bayesian
discriminant analysis produces the upper discrimination line shown: 0.22 = log(SWDmax)

+ 0.478Age . The lower lighter line shows the data split with a sensitivity of 100%.

Figure 4. Combined SWD-Age Index. The upper threshold line shown represents the
discrimination obtained with equally weighted risks, True Positive Fraction (sensitivity)
80% and True Negative Fraction (specificity) 89%. Requiring 100% sensitivity reduces

specificity to 72% as depicted by the ldwer line. Points are spread horizontélly for clarity.

Figure 5. Combined SWD-Age-Gray Scale Index. The upper threshold line represents
the discrimination obtained with equally weighted risks, sensitivity 95% and specificity

94%. Requiring 100% sensitivity does not alter the specificity in this case.
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Figure 6. Receiver operating characteristic curves illustrating diagnostic performance
(Az) of SWD, GS, and Age and combinations thereof. Notice that the diagnostic accuracy
of the GS-Age combination does not perform as well as the two variable combinations
including vascularity, SWD-Age and SWD-GS. When all three variables are combined,

SWD-Age-GS, the highest level of cancer discrimination is achieved.




Table 1. Standard scanner settings for patient exam.

Gray Scale
Number of foci 1
Mean foci depth 2 cm
GS frequency 9 MHz
GS gain 22 dB
Dynamic range 69 dB
f-CDI '
Gain 48 dB
PRF 1000 Hz
Wall filter 75 Hz

6 cr/sec

Velocity scale

PT Bhatti et al.




Table 2. Summary of patient diagnostics.

l Status N

Benign
(Average Equivalent Diameter* = 1.1 cm)

Resolved prior to biopsy

Benign breast tissue

Radial Scar

Cyst

Fibrocystic changes

Fibroadenoma

Fibroadenoma with fibrocystic changes

Malignant
(Average Equivalent Diameter* = 1.4 cm)

Adenocarcinoma

Invasive ductal carcinoma

Ductal carcinoma in situ (DCIS)
Invasive ductal carcinoma with DCIS
Invasive lobular carcinoma

Invasive lobular carcinoma with LCIS
Invasive ductal carcinoma with LCIS
Other

18

g S

= = e ] DN O

* Equivalent diameter is the diameter of
sphere whose volume is equivalent to
the estimated volume of the mass.
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Table 3. Summary regions of interest where maximum SWD occurred.

Region N
Benign 18
Region 1 (entire ROR, Figure 2(a)) 9
~ Region 2 (proximal ROR, Figure 2(b)) 0
Region 3 (entire 3 mm shell, Figure 2(c)) 2
Region 4 (proximal 3 mm shell, Figure 2(d)) 7
Malignant 20
Region 1 (entire ROR, Figure 2(a)) 2
Region 2 (proximal ROR, Figure 2(b)) 7
Region 3 (entire 3 mm shell, Figure 2(c)) 1
Region 4 (proximal 3 mm shell, Figure 2(d)) 10

PT Bhatti et al.
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Table 4. Performance of multi-variable measures when 6ptimized for sensitivity.

Measure Sensitivity Specificity
LogSWD,_-Age- GS,, 100% 94%
LogSWD,,.-Age 100% - 12%
LogSWD,,- GS,,, 100% 89%
22%

Age-GS,, 100%




Table 5. Statistical significance of ROC area (accuracy) comparisons.

PT Bhatti et al.

Index 1 Index 2 Significance p-value
SWD-Age-GS SWD * 0.013
SWD-Age-GS Age *okok 0.001
SWD-Age-GS GS * 0.024
SWD-Age-GS SWD-Age ~ 0.086
SWD-Age-GS SWD-GS 0.230
SWD-Age-GS Age-GS * 0.037

SWD-Age SWD ~ 0.090
SWD-Age . Age ** 0.010
SWD-Age GS 0.659
SWD-Age SWD-GS 0.336
SWD-Age Age-GS 0.871
SWD-GS SWD * 0.020
SWD-GS Age ko 0.004
SWD-GS GS * 0.039
SWD-GS Age-GS 0.171
Age-GS SWD 0.395
Age-GS Age ** 0.010
Age-GS GS 0.193
SWD Age 0.281
SWD GS 0.530
Age GS ~ 0.065

**%p<0.001; **p<0.01; *p<0.05; ~p<0.1
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Figure Captions

Figure 1. 3D, color Doppler scan volume with region of interest selected. Each slice (a)
in the original image z-plane is stacked to form the overall 3D volume reconstructed in (b).
In (b) three, intersecting color flow planes are shown along with a blue-green 3D surface
delineating the volume for calculation of tumor vascularity. Flow velocity of detected
vascularity in the planes shown is depicted in magenta to yellow (c). The scan is directed

toward the nipple in the +z direction as shown by the arrows in (b) and (c).

Figure 2. Schematic of Z-plane cross sections of vascularity quantification regions: (a)
complete ROR, (b) upper (proximal) half of the ROR, (¢) 3 mm shell surrounding the
ROR, (d) upper half 3 mm shell.

Figure 3. LogSWD_, versus Age for 38 patients studied: 18 benign (open downward
pointing triangles) and 20 malignant (filled upward pointing triangles). A linear Bayesian
discriminant analysis produces the upper discrimination line shown: 0.22 = log(SWDmax)

+ 0.478+Age . The lower lighter line shows the data split with a sensitivity of 100%.

Figure 4. Combined SWD-Age Index. The upper threshold line shown represents the
discrimination obtained with equally weighted risks, True Positive Fraction (sensitivity)
80% and True Negative Fraction (specificity) 89%. Requiring 100% sensitivity reduces

specificity to 72% as depicted by the lower line. Points are spread horizontally for clarity.

Figure 5. Combined SWD-Age-Gray Scale Index. The upper threshold line represents
the discrimination obtained with equally weighted risks, sensitivity 95% and specificity

94%. Requiring 100% sensitivity does not alter the specificity in this case.
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Figure 6. Receiver operating characteristic curves illustrating diagnostic performance
(Az) of SWD, GS, and Age and combinations thereof. Notice that the diagnostic accuracy
of the GS-Age combination does not perform as well as the two variable combinations
including vascularity, SWD-Age and SWD-GS. When all three variables are combined,

SWD-Age-GS, the highest level of cancer discrimination is achieved.




Figure 2. Schematic of Z-plane cross sections of vascularity quantification
regions: (a) complete ROR, (b) upper (proximal) half of the ROR, (¢) 3 mm
shell surrounding the ROR, (d) upper half 3 mm shell.
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Figure 3. LogSWDmax versus Age for 38 patients studied: 18 benign (open downward
pointing triangles) and 20 malignant (filled upward pointing triangles). A linear Bayesian
discriminant analysis produces the upper discrimination line shown: 0.22 = log(SWDmax) +
0.4780Age . The lower lighter line shows the data split with a sensitivity of 100%..
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Figure 4. Combined SWD-Age Index. The upper threshold line shown represents the
discrimination obtained with equally weighted risks, True Positive Fraction (sensitivity)
80% and True Negative Fraction (specificity) 89%. Requiring 100% sensitivity reduces
specificity to 72% as depicted by the lower line. Points are spread horizontally for clarity.
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Figure 5. Combined SWD-Age-Gray Scale Index. The upper threshold line represents the
discrimination obtained with equally weighted risks, sensitivity 95% and specificity 94%.
Requiring 100% sensitivity does not alter the specificity in this case.
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Figure 6. Receiver operating characteristic curves illustrating diagnostic performance (Az)
of SWD, GS, and Age and combinations thereof. Notice that the diagnostic accuracy of the
GS-Age combination does not perform as well as the two variable combinations including
vascularity, SWD-Age and SWD-GS. When all three variables are combined, SWD-Age-
GS, the highest level of cancer discrimination is achieved.
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o A:ssessment of 3D Doppler Ultrasound Indices in the Classification of Suspicious Breast Lesions Using an
' Independent Test Population and a 4-Fold Cross Validation Scheme

Gerald L LeCarpentier, Marilyn A Roubidoux, J Brian Fowlkes, Jochen F Kriicker,
" Nancy J Thorson, Karen D Engle, Paul L Carson

The University of Michigan, Ann Arbor, MI
ABSTRACT

OBJECTIVE: To assess various Doppler indices in difféfentiating benign from malignant breast lesions using
initial and validation patient populatidns. METHODS: Data partially analyzed previously from 38 women in a
prior study (group A) as well as all measures from 40 new patients (group B) were used in the current analyses.
All patients were scheduled for breast biopsy and displayed an ultrasonically detectable mass. Parallel frequency-
shift (fs) and power-mode (pm) color Doppler images (CDI) were acquired with a GE Logiq 700 ultrasound
system while translating an M12 transducer and recording its position via a linear encoding apparatus and
computer interface. Each reconstructed CDI volume encompassed a suspicious mass, identified by a radiologist
defined ellipsoid, where six Doppler vascularity measures (DVMs) were calculated: fs and pm color pixel density
(CPD), speed-weighted pixel density (SWD), mean flow velocity (v), normalized power-weighted pixel density
(NPD), and the product vNPD. Radiologist defined grayscale ratings (GS) and patient age were also recorded.
RESULTS: The areas (Az) under ROC curves in the entire patient pool (46 benign, 32 malignant) confirmed SWD
(Az=0.86) as the optimal DVM (previously used in the group A multivariable analysis). Az(fs-CPD ) was
comparable (0.85), and both demonstrated statistically significant (p<0.05) performance differences over NPD
(Az=0.75). Other Az values ranged from 0.75 to 0.77. Using group A to optimize the SWD-Age-GS
discrimination index (Az=0.99), the same linear combination of these variables was blindly applied to group B
(Az=0.97). Az for this three variable discriminator was greater than that for gray scale readings alone (Az=0.82)
(p<0.05). Similar results were achieved for two-variable combination indices. . Further, additional radiologists
were recruited for a multi-reader grayscale assesment, and a 4-fold cross validation method was applied to the
entire patient population, yielding performance results between those of groups A and B. CONCLUSIONS:
Quantitative vascularity measurements, especially fs-CDI indices, considerably improve malignant tissue
characterization beyond subjective GS evaluation alone. SWD-Age-GS appears particularly robust, given its
consistently high performance, regardless of incidental performance variations in its single variable components.




Table 1. Pathologic distribution of the ultrasonically
visible masses. The total distribution represents a prior
38 patient learning set and 40 test set patients.

Status N
Benign (Average Equivalent Diameter* = 1.0 c¢m) 46
Resolved prior to biopsy 1
Benign breast tissue 2
Radial Scar 2
Cyst \ 7
Fibrocystic changes 11.
Fibroadenoma ‘ 15
Fibroadenoma with fibrocystic changes 3
Other 5
Malignant (Average Equivalent Diameter* = 1.5 cm) 32
Adenocarcinoma 1
Invasive ductal carcinoma 12
Ductal carcinoma in situ (DCIS) 3

Invasive ductal carcinoma with DCIS
Invasive lobular carcinoma

Invasive ductal carcinoma with LCIS
Other

* Equivalent diameter is the diameter of a sphere
whose volume is equivalent to the estimated volume of
the mass.

8
1
Invasive lobular carcinoma with LCIS 2
1
3

Table 2. Diagnostic performance of combined measures using the learning set (original
38) to establish discrimination indices, blindly applied to the test population (the New 40).
: Discrimination Index Az (Original 38) Az (the New 40)
SWD-Age-GS 0.997 0.974
SWD-Age 0.943 0.890
SWD-GS ' 0.985 0.963
Age-GS 0.933 0.839
SWD 0.864 0.832
Age 0.737 0.618
i GS 0.914 0.825




Table 3. Diagnostic performance of various Doppler vascularity measures (DVMs),
assessed using the entire patient population. Method 1 versus 2 considers the maximum
values from regions 0, 0+2, 1, and 1+3 versus regions 0, 1, 2, 3 as described in the text.
There are no statistically significant differences between methods for any given index. The
comparable SWD and fs-CPD measures both demonstrated better performance over NPD
with statistical significance (p=0.01 and 0.04 respectively).

Doppler Vascularity Measures Az (Method1) Az (Method2)
SWD 0.864 0.847
fs-CPD 0.849 0.842
MeanV 0.773 0.786
vNPD 0.771 0.789
NPD 0.749 0.746
pm-CPD 0.749 0.742

Table 4. Statistical difference among grayscale ratings. Three methods to calculate an overall rating
were used: (1) the average of all 8 parameters including Gestalt (GSall), (2) the average GS not including
Gestalt (GSnoG), and (3) Gestalt (GSG). Three readers and their average ratings (R1, R2, R3, Ravg)

provided the comparison groups. Pairwise comparisons (60 combinations) were performed to detect
statistically significant differences among grayscale calculation methods and reader ratings in terms of
both absolute value and diagnostic performance as described by ROC curves (Az comparlsons) The 8
statistically significant (p<0.05) comparisons are highlighted below.

Reader(s) Az(GSall) vs Az(GSG) vs Az(GSavg) Az(GSnoG) GSavg GSG
Az(GSnoG) Az(GSnoG)
R1 p=0.01
R2 p=0.04
Ravg p=0.05
R1 vs R3 p=0.04 p=0.02
R1 vs R2 p=0.04
A2 vs Ravg p=0.04 p=0.05

Table 5. Distribution of patients used for 4-fold cross
validatition of the multi-variable discrimination indices.

-

Sub-Group Number of Number of Total
N Benign Malignant
A 12 8 20
B 12 8 20
i C 11 8 19
LD 11 8 19




Table 6. Evaluation summary of discrimination indices. The mean Az values highlight the
improved performance of SW-GS and particularly SWDAgeGS over grayscale evaluation alone.

MeanAz

abdLearn-CTest

bedLearn-ATest

abclLearn-DTest acdLearn-BTest
lIndex o _ R . _ S
SWDAgeGS 0.981 1.000 0.963 1.000 0.959
SWDAge 0.907 0.927 0.827 0.959 0.917
SWDGS 0.964 0.960 0.942 1.000 0.954
AgeGS 0.932 0.960 0.898 1.000 0.870
SWD 0.860 0.908 0.768 0.919 0.846
Age 0.683 0.543 0.649 0.774 0.767
GS 0.931 0.955 0.887 1.000 0.880;]




Figure 1. 3D, color Doppler scan volume with region of interest selected. Each slice (right)
represents an original image z-plane and approximately 90 of these are stacked to form the overall
3D reconstructed volume. A blue-green 3D surface delineating the volume for calculation of
tumor vascularity is shown at left.
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Figure 2. Schematic of Z-plane cross sections of vascularity quantification
regions: (a) complete radiologist defined ellipsoid (RDE), (b) upper (proximal)
half of the RDE, (c) 3 mm shell surrounding the RDE, (d) upper half 3 mm
shell.
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Figure 1. Performance of discrimination indices derived from the second
patient population (n=40) as demonstrated by maximum likelihood binormal
estimates of ROC curves. Speed-weighted pixel density (SWD), average
grayscale rating (GS), and patient age were blindly applied to the multi-
variable classifiers derived from the initial patient population (n=38). The
high performance (Az=0.97) of the SWDAgeGS exceeded all other indices
and demonstrated statistically significant improvement over all single variable
indices. as described in the text.
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Figure 4. Average performance (as assessed by average Az values) of discrimination
indices. The gray bar values were derived using the 4-fold cross validation method
described in the text, and the grayscale ratings used represent the average of three
independent readers’ average grayscale rating for each case. Overall performance of
SWDAgeGS (Az=0.981) fell between the test group’s self evaluation (black bar, Az=0.997)
and the blinded test group performance (white bar, Az=0.974).
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RAPID IMAGE REGISTRATION FOR 3D ULTRASOUND COMPOUNDING

Jochen F. Kriickert, Paul L. Carson, Gerald L. LeCarpentier, J. Brian Fowlkes, Charles R. Meyer
University of Michigan, Dept. of Radiology, 200 Zina Pitcher Place, Ann Arbor, MI 48109-0553, USA

Abstract — A Subvolume-based algorithm for
Ultrasound REgistration (SURE) has been developed
and tested using artificially deformed in vivo
ultrasound scans. SURE works in two stages, using
MIAMI Fuse®[1-2] software to determine a global,
affine registration in the first stage before iteratively
dividing the volume into subvolumes and computing
local rigid registrations in the second stage.
Connectivity of the entire volume is ensured by
global interpolation using thin-plate splines (TPSs).
To simulate sequential scans, a random nonlinear
deformation was applied and both correlated and
uncorrelated noise was added to 20 image volumes,
each reconstructed from 60 to 120 evenly spaced B-
scan slices. Registration using SURE reduced the
average displacements of 1.5 and 2.0 mm in the
artificially deformed volumes to 0.20 and 0.27 mm,
respectively. Registration times were below 5 min on
a 500 MHz CPU for an average data set size of
13 MB.

1. INTRODUCTION

Tissue deformation and refraction artifacts can
limit resolution in three-dimensional (3D) compound
imaging. Image registration prior to compounding has
been shown to partly correct for these resolution
losses [3]. In breast imaging, a non-linear registration
transformation with many degrees of freedom is often
required for accurate registration of the constituent
image volumes. The long computation time
commonly required for these registrations has been
an obstacle in implementing this technique for more
widespread use. Other breast imaging applications of
non-rigid registration include screening and
sequential scanning to monitor changes in breast
masses, where the comparison of registered image
volumes potentially allows better assessment of
changes and semi-automatic quantification of growth
or shrinkage of masses [4]. SURE can provide
accurate and fast non-rigid ultrasound registrations
that address these needs.

I MATER_IALS AND METHODS

Data Acquisition

A Logiq 700 (GE Medical Systems, Milwaukee,
WI) ultrasound scanner with an M12, 1.5D matrix
array probe (11 MHz) was used to scan one or
multiple breast masses in 10 volunteer patients. For
all scans, high-resolution grayscale mode with eight
transmit focal zones and a 4 cm field of view were
selected. The probe was attached to a linear slider
with two degree-of-freedom (elevational translation
and elevational tilt) position encoding, and volumes
were reconstructed from 60 to 120 B-scan slices with
uniform 0.3 mm frame spacing. In each patient, the
volume of interest was scanned from five look
directions: 0° (reference), +5°, -5°, +10° and -10°
relative to the vertical. All of these scans were used to
assess the average image distortion in 3D-
compounding. For the evaluation of SURE, only the
0° and +5° scan in each patient were used. In
addition, five volume scans were obtained in a focal
lesion phantom (Computerized Imaging Reference
Systems (CIRS), Norfolk, VA) at tilt angles of 0°, 5°,
10°, 15°, and 20°. These data were used to investigate
the statistics of the change in speckle pattern when
imaged from different look directions.

Artificial Volume Deformation

In order to test the accuracy and robustness of
SURE, 20 image volumes were artificially deformed
and degraded by additional noise. Subsequent
registration of the original with the deformed data
sets, and comparison with the known, ideal
registrations, allowed quantification of the
performance of SURE.

A realistic level of volume deformation in
compounding was estimated by comparing affine and

"nonlinear registrations in 27 of the non-vertical in

vivo scans in which, by visual assessment, a good
registration with the vertical reference scan was
achieved by both registrations. All affine registrations
were obtained using MIAMI Fuse®. The nonlinear
registrations using SURE started with the affine
results and ended by using up to 7X7x7 (X Xy X z)




subvolumes. This process is explained in detail
below.

The mean deformation D
transformation T was defined as

D=%/- | { - T(ld’ 0

induced by a

where the triple integral extends over the entire image
volume V. Note that D potentially includes a linear
component in 7. For each pair of full affine and
nonlinear registration transformations, T3, and T, the
mean deformation of the difference transform Ty =
T, - T was computed. The average value of D for all
valid registrations was 1.1 mm (range 0.6 to 1.9 mm).
Since even the nonlinear registration does not provide
“perfect” registration, these values are believed to be
lower bounds for the mean deformations in
compound imaging. Therefore, artificially deformed
volumes with mean deformations of 1.5 and 2.0 mm
were generated as follows. Volume deformations or
“warping” from one 3D space (“reference”) to
another (“homologous™) can be introduced using thin-
plate splines [5], which are defined by the locations
of an arbitrary number (larger than 4) of control
points in both the reference and homologous space.
The larger the number of control points, the more
degrees of freedom in the transformation and the
higher the spatial frequencies that can be realized
with it. For each of the 20 image volumes used,
nonuniformly spaced reference control points were
generated by starting with a uniform grid of 5x5x5
points, and then adding a random vector of up to

5 mm length to each point location. Homologous -

control points were generated by first adding a
random shift vector to each reference control point,
and then scaling all shift vectors such that the mean
deformation of the TPS transform defined by the
control points had the desired value.

Two major differences between ultrasound
volumes imaged from different look directions are (1)
different echo amplitudes from specular reflectors,
depending on the angle of incidence of the sound
beam, and (2) a change in speckle pattern. Simulating
(1) would require segmentation of specular reflectors,
which was not attempted here. Instead, random
Gaussian noise with amplitudes larger than expected
for mere electronic noise was added to introduce
additional differences between the volumes. The
approximate first and second order statistics of effect
(2) were simulated as follows. The four tilted scans
obtained in the focal lesion phantom were registered
onto the reference scan using MIAMI Fuse®. In a

subvolume of fully developed speckle, difference
images between the reference scan and the registered
tilted scans, as well as the histogram and
autocorrelation of the difference images were
computed. The histograms displayed an
approximately Gaussian distribution, the standard
deviation of which increased from 15 to 23 gray-scale
(GS) levels (out of 255) when increasing the tilt angle
difference between the scans from 0°to 20°. The
spatial autocorrelation of the difference images
displayed a full width at half-maximum (FWHM) of
0.38 and 0.35 mm in the lateral and axial direction,
respectively. These parameters were reproduced in
simulated difference images by spatially low-pass
filtering a volume of random Gaussian noise and
scaling the gray-scale values such that the standard
deviation of the histogram had the desired value.
Both simulated difference images and uncorrelated
noise were added to the deformed image volume.
Figure 1 shows an example of one slice of an image
volume before and after application of the
deformation and noise. The white grid has been
superimposed to visualize the xy-component of the
artificial deformation.

Figure 1: a) Sample B-scan slice from one of the original
image volumes. b) Same slice after application of the
random deformation and addition of noise. The white grid

illustrates the deformation.

Registration using SURE

SURE can work in two stages, using MIAMI
Fuse® software to obtain a global affine registration
in the first stage before refining the solution using
subvolumes in the second stage. The pixel similarity
measure used in either stage is mutual information
(MD1]. If the registration problem is known to have
no global affine component or if that component is
small, as is the case for the registration of the
artificially deformed image volumes used here, the
first stage can be omitted. The second stage consists
of the following steps (illustrated in figure 2):

1. Downsize homologous image volume as needed




light gray circle onto the darker shape. a) Divide volume
into subvolumes, find local shifts. b) The local shifts lead
to better alignment but loss of connectivity. ¢) Interpolate
between subvolumes using TPS with control points at
subvolume centroids. d) lterate with finer subdivision. Note
that some subvolumes will be ignored (x), others will
remain stationary because they are already aligned (*).

2. Use last registration transform (identity, affine, or
TPS) to map reference onto homologous volume

3 . Divide reference volume into subvolumes,
starting with subdivision of 2x2x2 in first cycle
and refining division in subsequent cycles

4, Ignore subvolumes that do not fulfill acceptance
criteria (entropy > 5.7, volume overlap > 30%,
MI > mean(MI) - 3 - std.dev.(MI) )

5. Using method of steepest ascent, shift accepted
subvolumes into best local alignment (largest MI)

6. Find new reference control points by applying
inverse of last registration transform to centroids
of subvolumes. New homologous control points
are the shifted centroids of subvolumes. The TPS
defined by reference and homologous control
points is the new registration transform.

7. Go back to step 1 (fixed number of times, or until
average subvolume shift is below threshold).

1. EXPERIMENTS AND RESULTS

In a first experiment, the 20 raw in vivo image
volumes were each registered with their
corresponding two deformed image volumes having
mean deformations of D = 1.5 and 2.0 mm. The noise
level in the deformed volumes, measured by the
standard deviation ¢ of the Gaussian random
distribution for both the spatially correlated and
uncorrelated noise, was 15 GS. The noise level was
increased to ¢ = 20 GS for the volumes registered in
the second experiment (D = 1.5 and 2.0 mm). The
average correlation coefficient (CC) between the
original and deformed volumes was 0.59 and 0.57 for

o =15 and 20 GS, respectively. For the third
experiment, a set with the same parameters
(D =2.0mm, o =15GS) but higher spatial
frequencies in the artificial deformation was
generated by using 6x6x6 control points to define the
warp. This new set and the previous set of
(D =20mm, o=15GS, 5%x5x5 control points)
volumes were registered using subdivision into up to
a) 4x4x4 and b) 5x5x5 subvolumes. The results of
these three experiments in terms of the correlation
coefficient and the remaining mean deformation
(“registration error”’) between the registered and the
artificially deformed sets are summarized in tables 1
and 2. Figure 3 shows examples of two registrations.

Table 1: Average correlation coefficient (CC) and
remaining deformation (D,) between corresponding
registered and artificially deformed volumes, and percent
recovery of CC and D, relative to their theoretical limit
(CC: 0.87 to 0.93, based on noise; D,: 0 mm).

D{15mm 20mm | 1.5mm 2.0mm
(o} CC D, (mm)
089 087 | 021 027
15GS | 950,  oaw | 86%  87%
082 082 | 021 0.8
20GS | 950,  o4% | S6%  86%

Table 2: Average remaining deformation (mm) between
registered and artificially deformed volumes (D = 2.0 mm,
o =15 GS) and percent recovery for different numbers of
subvolumes (in the registration) and control points (in the
artificial warp).

Warp 5%5%5 6x6%6
Registration Control Points | Control Points
4x4x4 0.27 0.33
subvolumes 87% 84%
5x5x%5 0.17 0.24
subvolumes 92% 88%

Running on a 500 MHz DEC Alpha CPU, the
average registration time for the standard registration
procedure (4x4x4 subvolumes) was 4.9 min per set
(13 MB average size). A faster but less accurate
variant of the same registration procedure yielded
20% larger remaining deformations computed in only
1.1 min per set. The more accurate, 5X3X5 subvolume
registration took 5.3 min per set.

IV. DISCUSSION AND CONCLUSIONS

The subvolume-based registration algorithm
SURE achieved high registration accuracy in non-
linear ultrasound to ultrasound registrations. The
registration problem was designed to approximate




Figure 3: (a, ¢) Image frames in two cases after artificial
deformation and addition of noise. (b, d) the same
frames after registration of the corresponding original
volumes onto (a, ¢). The registration error in (a) was in-
line with the mean error, whereas the error in (d) was
more than two standard deviations above the mean.

conditions found in compound imaging. The change
in speckle pattern was simulated by addition of
spatially filtered noise, which approximates the first
and second order statistics of the actual change. The
different appearance of specular reflectors could not
be simulated and was replaced by an elevated noise
level. The degree to which this resembles a real
compound imaging scenario remains uncertain.
Nonetheless, the advantage of this method compared
with registrations between the actual constituent
scans of compound volumes is the existence of a gold
standard (the artificial deformation), which allows
quantification of the registration error. The procedure
was meaningful in that larger spatial frequencies were
employed in the artificial warping than in the
registration transformation.

The registrations were robust in the sense that
irrespective of noise level and mean deformation
tested, only one case produced registration errors
more than two standard deviations above the mean.
This particular case (Figure 3c, d) displayed
shadowing and noise, but little or no structural
information in the lower half of the scan where the
largest registration errors occurred. Image-based
registration in areas with little image information is
generally difficult or impossible, but is also rarely
relevant in practice. It may be concluded that in this

case the field of view should have been reduced to the
upper half.

SURE’s registration speed is highly competitive
and compares very well to a different nonlinear
registration procedure in which a TPS-transform was
optimized globally using the downhill simplex
algorithm. Such registrations were carried out for 10
of the 20 image volumes used before and produced
registration errors three times larger than those
achieved using SURE while increasing the
registration time by more than a factor of 10.

V. ACKNOWLEDGEMENTS

This work was supported by U.S. Army contract
DAMD17-96-C-6061.

VI. REFERENCES

[1] C. R. Meyer, J. L. Boes, B. Kim, et al.
“Demonstration of accuracy and clinical
versatility of mutual information for automatic
multimodality image fusion using affine and thin-
plate spline warped geometric deformations”,
Med Image Anal, vol. 1, pp. 195-206, 1996/7.

[2] C.R. Meyer, 1. L. Boes, B. Kim, et al. “Semi-
automatic registration of volumetric ultrasound
scans”, Ultrasound Med Biol, vol. 25, pp. 339-47,
1999.

[3] 1. F. Kriicker, C. R. Meyer, G. L. LeCarpentier,
J. B. Fowlkes, P. L. Carson, “3D spatial com-
pounding of ultrasound images using image-
based nonrigid registration”, Ultrasound Med
Biol, vol. 26, No. 8 (in press).

[4] J. F. Kriicker, G. L. LeCarpentier, C. R. Meyer, et
al. “3D image registration for multimode,
extended field of view, and sequential ultrasound
imaging”, RSNA EJ, vol. 3, 1999.
http://ej.rsna.org/ej3/0098-99.fin/index.html

[5] F. L. Bookstein, Morphometric Tools for
Landmark Data, Cambridge University Press,
Cambridge, 1997, ch. 2, pp. 26-34

[6] D. L. Collins, T. M. Peters, and A. C. Evans, "An
automated 3D non-linear image deformation
procedure for determination of gross
morphometric variability in human brain,”
Visualization in Biomedical Computing (1994),
in SPIE, vol. 2359, pp. 180-190.

*Jochen Kriicker e-mail: jokr@umich.edu




Hppend)ix [0

Ultrasound in Med. & Biol., Vol. 26, ivo. &, pp. 00000600, 2000
Copynght © 2000 World Federation for Ultrasound in Medicine & Biology
Printed-in the USA. All rights reserved

0301-5629/00/$-see front matter

ELSEVIER

* PII S0301-5629(00)00286-6

@ Origindl Contribution |

3D SPATIAL COMPOUNDING OF ULTRASOUND IMAGES USING
IMAGE-BASED NONRIGID REGISTRATION

JocHEN F. KRUCKER, CHARLES R. MEYER GERALD L. LECARPENTIER, J. BRIAN FowiLkes

and Paur L. CArsoN ,
Depémment of Radiology, Umyers1ty of Michigan, Ann Arbor, Michigan, USA

(Received 26 January 2000; in final form 26 June 2000)

Abstract—Medical nltrasound images are often distorted enough'significantly{te, limif resolution during com-
. pounding (i.e., summation of images from multiple views). A new, volumetric image registration technique has
been used successfully to enable high spatial resolution in three-dimensional (3D) spatial compounding of
ultrasound images. Velumetric ultrasound data were acquired by scanning a lirear matrix array probe in the
elevational direction in a focal lesion phantom and in a breast ir vive. To obtain partly uncorrelated views, the
volume of interest was scanned at five different transducer tilt angles separated by 4° te 6°. Pairs of separate
views were registered by an antomatic procedure based on a mutual information metric, using global full affine ; -
and thin-plate spline warping transformations. Registration accuracy was analyzed automatically in the phantom '
data, and manually in vive, yielding average registration errors of 0.31 mm and 0.65 mm, respectively. In the
vicinity of the warping control points, registrations obtained with warping transformations were significantly
more accurate than full affine registrations. Compounded images displayed the expected reduction in speckle
noise and increase in contrast-to-noise ratio (CNR), as well as better delineation of connective tissnes and reduced
shadowing. Compoundmg also revealed some apparent low contrast lobulations that were not visible in the
single-sweep images. Given expected algorithmic and hardware enhancements, nonrigid, image-based registra-
tion shows great promise for reducing tissue motion and refraction artifacts in 3D spatial compounding. © 2000

World Federation for Ultrasound in Medicine & Biology.

Key Words: Ultrasound imaging, Ultrasonics, Medical imaging, 3D ultrasound, 3D spatial compoundmg, Auto-
matic registration, Mutual mformatmn, Thin plate spline, Refraction Correction.
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. noise and shadows (Kossoff et al. 1976). Since array
probes have become available, 2D compounding by elec-
tronic steering of the beam (Berson et al. 1981; Jespersen
et al. 1998; Shattuck and von Ramm 1982) has been
investigated. One company (ATL Ultrasound, Bothell,

INTRODUCTION

Medical image registration is used clinically in a large

number of applications such as diagnostics, treatment
planning and surgical procedures. It is also a very active

topic of research as recent review articles by van den .

. L WA, USA) now offers a commercial ultrasound scanner
5;2?: et al. (1993) and Maintz and Viergever (1998) with real-time 2D compound imaging (“SonoCT™")
Spatial compounding, the combination of individual using l?rge angle electronic t?ealln steering. A n_umber (.)f
ultrasound images or scans obtained from different look theoretical (Burckhardt 1378; O'Donnell and Silverstein
1988; Wagner et al. 1988) and experimental (Trahey et

directions, has been investigated since the 1950s
(Holmes et al. 1954). Before the advent of gray-scale
imaging in the 1970s, compounding by translation and
rotation was the method of choice for more complete
- outlining of organs. In gray-scale imaging, compounding
provides additional benefits such as reduction of speckle

: Address correspondence to: Dr., Jochen F. Kriicker, University of
: Mlchlgan, Department of Radiology, 200 Zina Pitcher Place, Kresge
I, Rm. 3315, Ann Arbor, MI 48109-0553; USA. E-mail: jokr@
umich.edu

al. 1986) studies investigated the decorvelation of speckle
with lateral translation of the transducer to find the op-
timum displacement for 2D compounding.
Three-dimensional (3D) compounding differs from
2D compounding in that a greater number of independent
views can be combined, the compounded field of view is
not limited by transducer size, more specular reflectors
can be imaged at normal incidence, and it offers the
possibility of out-of-plane refraction correction. All of
these advantages were exploited in this study. It does not,
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however, work in real-time, although increased process-
ing power may make the 3D-compounded image avail-
able almost immediately following acquisition, as dis-
cussed at the end of this paper. ‘
Recently, (Barry et al. 1997) and Leotta (1998)
performed 3D compounding by attaching a position en-
coder to the transducer, scanning the volume-of-interest
from several look directions and combining the pixel
values using various algorithms. In these studies, exter-
nal (electronic, mechanical or electromagnetic) position
encoding was used to register the positions of images
obtained from different look directions. Good results
were obtained in phantom scans and in selected in vivo
.applications. However, this approach in general, and
methods that require physical motion of the transducer in

particular, are limited by tissue motion and refraction -

artifacts. If tissue is moved or deformed between or
during compound scans, it gets registered into different
positions relative to the external reference frame. Simi-
larly, refraction due to sound speed inhomogeneities may
cause tissue structure to appear in different positions
from different look directions. This effect has been used
by Robinson et al. (1982) to measure the average sound
speed in tissue. If uncorrected, these shifts can cause
blurring in the compounded image, and possibly “ghost”
artifacts as observed in some single-view imaging situ-
ations (Buttery and Davison 1984; Robinson et al. 1981).

Moskalik et al. (1995) were the first successfully to
apply image-based registration of separate 3D ultrasound
views before compounding to reduce artifacts. They

~ manually defined corresponding points, lines and planes

in pairs of volumetric data sets, and employed nonrigid
full affine transformations (rotate, translate and shear) to
match these features. Rohling et al. (1997, 1998) ob-
tained good results using rigid body transformations for
automatic, correlation-based registration prior to com-
pounding. iR

Meyer et al. (1999_'b5 showed that their mutnal in-
formation-based software “MIAMI Fuse,” developed for
multimodality image fusion (Kim et al. 1997, Meyer et
al. 1996/7), yields reproducible and accurate full affine
and warping transformations in same-modality 3D ultra-
sound registration. The same algorithm, first introduced
by Meyer et al. (1996/7), was used by Kriicker et al.
(1999) to demonstrate creation of multimode and ex-
tended volume ultrasound images, and to track changes
. of tissue structure and vascularity by registration of serial
- ultrasound scans obtained months apart. In this study,
“MIAMI Fuse” is used to improve 3D compound image
quality and reduce artifacts caused by tissue motion and
refraction. This is achieved by employing nonrigid trans-
formations for accurate, automatic registration of differ-
ent views before compounding.
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MATERJIALS AND METHODS

Data acquisition

All ultrasound data used in this study were acquired
using a Logiqg 700 (GE Medical Systems, Milwaukee,
WI, USA) clinical ultrasound scanner in high resolution,
multifocal gray scale mode. The scanhead used was an
M12, 1.5D matrix array probe with 38 mm array length
and 4.2 mm elevational extient. For all scans, a center
frequency of 11 MHz, the maximum number of transmit
focal zones (eight), and a 4 cm field of view were used.
The scan length ranged from 3 to 4 cm. The probe was
clamped to a linear slider mounted on a hand-held frame
(Fenn et al. 1997; LeCarpentier et al. 1999) for restric-
tion of the motion to two degrees of freedom. The linear
position in the elevational (out-of-plane) direction was
encoded with 18 pm ‘accuracy using a potentiometer.
The rotational (tilt) motion around the lateral axis was
recorded with 0.05° accuracy using an optical encoder.
Note that the position is recorded relative to the frame,
and thus provides consistent information within individ-
ual scans (intrascan registration) only when the frame is
not moved relative to the tissue or phantom during a
scan. Between individual scans, however, the frame usu-
ally was moved for the adjustment of transducer tilt, and
the induced tissue deformation differed from scan to
scan. Moreover, beam aberrations can cause structure to
appear in slightly different locations when imaged from
different directions. Therefore the recorded positions

could not be used for accurate interscan registration.

Volumetric data were obtained by manually sweep-
ing the probe across the volume of interest and storing
the image frames in the internal cine loop buffer of the
ultrasound machine. Approximately uniform frame spac-
ing was achieved using position tracking scan software.
The software reads the linear position and sends a pulse
to the ultrasound machine to trigger acquisition of a new
frame each time the position has increased by a user-
defined step size. Delays between the trigger and actual
acquisition of the new image are accounted for to the
extent possible. The acquired image volumes were later
saved to disk and transferred to a DEC Alpha worksta-
tion for registration and processing.

Images were obtained in a focal lesion phantom
(Computerized Imaging Reference Systems (CIRS),
Norfolk, VA, USA), and in vive. The phantom is com-
prised of a densely packed, random distribution of fine
particles, which creates speckle in the ultrasound image.
In addition, the phantom contains a large number of high

* contrast (—12 dB), spherical “voids” (3 mm and 5 mm

diameter), and two nylon filaments. A 3D view of one of
the image volumes acquired in the phantom is displayed
in Fig. 1. In vivo breast scans were obtained in a volun-
teer patient who had a circumscribed, benign-appearing

F1
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B-Scan Frame
5-mm “"Voids"

Scan Direction_

Nylon Filaments

3-mm “Voids"

Fig. 1. Three-dimensional view of the reference image volume
acquired in the focal lesion phantom,

mass in the lower inner quadrant. One of the in vivo
"volumes is displayed in Fig. 14, together with a ROI and
control points explained in the Experiments and Results
section,

For each compound study, five to 16 scans of 100
frames were obtained in the volume-of-interest, each
scan with a fixed transducer tilt angle between 0° (nor-
mal to surface) and about 17°. The encoded position
information was used to interpolate each individual im-
age volume into a rectilinear grid, retaining the original
pixel resolution of 10 pixel/mm in the xy-plane (image
plane), and using the user-defined frame spacing along
the z-axis. ’

Registration B
Alignment between separate scans obtained in the
same volume of interest was achieved using semiauto-
matic Image Volume-Based Registration (IV-BaR) of
the gray-scale data sets. The MIAMI Fuse software per-
forming this process has been employed previously for
fusion of 3D ultrasound images (Kriicker et al. 1999;
Meyer et al. 1999a). The theoretical background is pre-
sented in detail in Maes et al. (1997) and Viola and Wells
I (1997). A summary is given below for convenience.
_ The registration procedure employs the mutual in-
formation 7 of a pair of data sets to measure their relative
alignment. The mutual information is defined as I(x, y) =
H(x) + H(y) — H(x, y), where H(x) and H(y) is the
entropy of data sets x and y, respectively, and H(x, y) is
the joint entropy of the two data sets. I(x, y) can be
computed using the probability densities p(x), p(y) and
* joint probability density p(x, y). The probability densities
are approximated by the normalized gray scale histo-

Image Volume #2
Image Volume (under current mapping Gray Scale
#1 transformation): Count Values in

Volue #2

= — Histogram:ly” ¢
Gray Scale Gray Scale gl Gray Scale
Value gt in maps Valueg2in Values in
Volume #1 Volume #2 Volume #1

Fig. 2. Construction of the 2D joint histogram needed to com-

pute mutual information. For each mapping evaluated during

the optimization, one histogram is computed by raster scanning

through the volumes and updating the histogram for each voxel
pair.

grams. The joint probability density is approximated by
the normalized 2D histogram, with the two base axes
corresponding to gray scale levels in the two data sets.
The histogram value p(g,, g,) is equal to the normalized
count of pixels with value g, in the first data set that
match, under the current mapping transformation, a
value g, at the same location in the second data set: The
process of constructing the 2D histogram is illustrated in
Fig. 2.

The registration optimization works by iteratively
maximizing the mutual information I. The only user
interaction in the process is the definition of an approx-
imate initial alignment of the two data sets by placing
three control points in each set, Even this step can be
automated if the relative position and orientation of the
data sets is roughly known. The control points define a
geometric transformation that is applied to match one
data set (“homologous”) onto the other (“reference”).
The mutual information of the matched pair is calculated,
and the Nelder-Maed downhill simplex algorithm is used
to modify the position of the control points until I is
maximized. The optimization can work in several stages,
employing increasing numbers of control points and thus
increasingly complex geometrical transformations. For
efficient optimization, each stage can use downsized
versions of the original data sets and different parameters
to confine variation of the control point positions and to
determine convergence of each optimization cycle. For
this study, two- and three-stage processes were used. The
first stage employs three control points (rotate/translate),
the second stage four (full affine transformation), and the
third stage an arbitrary number of control points greater
than four (thin plate spline warping). Each stage comes
to a stop and passes its final transformation on to the next
stage when the mutual information increment in the last
cycle is less than a predefined threshold. Figure 3 shows
a flow chart of the registration algorithm.

For nonrigid registrations, Meyer et al. (1599b)
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Fig, 3. Flow chart of the registration algorithm.

found an approximately linear increase in iterations with
number of control points in brain MRI data sets. This
increase went in parallel with an increase in the final
mutual information and is expected jasymptotically Jto
approach¥n upper limit that depends on the information
content of the image sets to be registered. Combined with
the linear increase of computation time per iteration, this
yields a quadratic dependency of computation titne on
the number of control points, up to the upper limit. In the
in vivo scans reported on in this study, the final mutual
information was found to increase only slowly when
adding more than 11 control points, This number was
subsequently used as a trade-off between registration
accuracy and computation time. On a state-of-the-art
workstation running at 500 MHz, typical registrations of
a 4.5 megabyte data set currently take 5-6 min when
using full affine transformations only, and 20-30 min
using warping with 11 control points.

Compounding and data analysis
To create a compound image volume from N indi-
vidual volumes, scans number 2 . . . N are registered and

transformed onto the first scan (usually the one obtained -

at 0° transducer tilt). The image volumes are then con-
verted from gray scale to echo amplitude values, aver-
aged and re-compressed to gray-scale values for display.
Different methods of image combination, such as peak or
minimum detection for each pixel, were investigated by
others (Robinson and Knight 1981). Averaging was cho-
sen for all figures displayed here, because it yields opti-
mal improvement of speckle signal-to-noise ratio (SNR)
and only small loss of resolution. The process of obtain-
ing, registering and compounding one pair of scans is
illustrated in Fig. 4. 7

Intensity images were created by squaring the de-
compressed amplitude images (in arbitrary units). Image
statistics such as SNR, contrast-to-noise ratio (CNR),
and correlation coefficient (p) were computed in the
intensity images, using the following definitions:

={Dlo ey
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Scan Direction

“Tilted Scan

Coregistration
and
Compounding

Fig. 4. Illustration of the acquisition, registration and com-
pounding process, exemphﬁed for compounding of only two
views. A reference scan is obtained by holding the transducer
normal to the skin or phantom surface, and sweepmg it slowly
in the elevational direction. A second scan is obtained in the
same volume, but with the transducer held at an angle 6. The
image volumes are then aligned using our automated registra-
tion procedure, compounded, and displayed in the original
orientation of the reference scan.

where <I>> and o are the mean and standard dev1at10n of
the intensity, respectively.

CNR = ({I,) — {I,))/ o )
where <I,> and <I,> are the mean object and back-
ground intensity, respectively, and oy, is the standard
deviation of the background.

om0 G ) ;
T (AT X (IR Ao KL

-where my; is the covariance of images I; and L.

For a compound image averaged from N partly
correlated views, the SNR can be written as:

S
\/2 +2§ gpuoaj

i=1j=

SNRy = @

A similar increase is expected for the CNR if the “back-
ground” is located in an area of fully developed speckle
and the “objects” in the different scans are perfectly
aligned. Equation (4) was obtained using the expression
for the variance of an average of N images given by
Trahey et al. (1986). Assuming all views have equal
means and standard deviations, eqn (4) reduces to:
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Low-pass filter and doWnsize image volume,
remave background inhomogenetties
Compute mean gray scale value m, and threshold] | Part I:
volume: woxel < 0.4m - 1; voxel > 0.4m— 0 | | Detect
spheres
Compute number of voxels and center of mass
(COM,,,.) in each duster of connected '1’ voxels;
discard clusters with < 10 voxels
Invert original vclume (v — 255 - V),
- rescale to range 00100
For each cluster (= detected sphere): Partil:
Set COM. . = COM: Find exact
_| Compute COM in 2 mm sphere centered at}} | of spheres
S Cﬁe s voxel value = ‘mass’}) || Jusing
I VTR l center of
Step toward COM: COM;,, CQM mass
ium step size reach
Compute average voxel values a(r) on shells
with radii r = 0.5 fo 2 mm, centered at COM,,., : .
e 1] | Part Ml
Find radii ;0 and ree, defined by Find radii
a{r,q) = min(a)+0.1*(max{a)-min(a))
a(rso) = min{a)+0.9*(max{a)-min(a}}

Fig. 5. Flow chart of the algorithm (ALS) used to localize and
segment spheres in the phantom scans.

NRy = SNRqyN 5 %)
\/1 +Nlilj$1pij

where SNR, is the signal-to-noise ratio of the individual
views. This in turn yields the well-known insert-equation
From-msp-12 for uncorrelated views. sk | S AN YRy
An algorithm (ALS) was created for antomatic local-
ization and segmentation of hypoechoic spheres in an image
volume (flow chart shown in Fig. 5). ALS was used&ly_ec-
u\@ﬂﬁnalyze*’CNR and registration accuracy in the
CIRS phantom. The spheres were first detected using
thresholding and then localized by iteratively computing the
“center of mass™ of the inverted pixel values in the neigh-
borhood of the spheres. Misregistration between pairs of
registered data sets was defined as the average displacement
between corresponding spheres in the two sets. For each
detected sphere, an inner and outer boundary, ry and 7y,
were defined as in Fig. 5. The difference between rgg and
ryo defines the border width of a sphere and was compared

. between uncompounded (single sweep) and compounded

data sets as a measure of image blur.

EXPERIMENTS AND RESULTS

Angular decorrelation
Earlier studies on 2D compounding found the lat-
eral translation of the aperture for optimal SNR increase

to be about Ax,;, = 0.4-0.5 aperture widths, based on
the theoretical decorrelation curve derived from a one-
dimensional model of the point spread function of a
rectangular aperture (Burckhardt 1978; O'Donnell and
Silverstein 1988). Trahey et al. (1986) found smaller
values for Ax,, (0.2-0.25) using a measured decorrela-
tion curve, but obtained 95% to 97% of the optimized

. SNR when using Ax = 0.4-0.5.

In the scanning configuration used for this study, the
degree of correlation between pairs of registered data
sets is naturally measured as a function of the difference
in tilt angle Ac at which the scans are obtained. Using
the nominal elevational aperture size of the M12 probe
(4.2 mm), the result for 2D compounding can be con-
verted into an optimum differential tilt angle. For an
average focal distance of 2 c¢m, and Axype = 0.4 t0 0.5,
this yields Aa,,, = 5° to 6°.

To verify that this differential tilt angle is appropri-
ate to use with our particular ultrasound scanner and
imaging mode, the angular decorrelation was measured
experimentally. In the focal lesion phantom, 16 volume
scans containing 100 frames each with frame spacing 0.2
mm were acquired. The scanned region contained about
50 3-mm diameter “voids” on one side, a straight nylon
wire along the scan direction in the center, and no visible
feature but speckle on the other side. The voids and wire
were included to provide sufficient landmarks for the
automated registration procedure. Four of the scans were
obtained at 0° tilt angle, with the average frame positions
in scans 2—4 offset by about 21, 71 and 88 um, respec-
tively, relative to scan 1. These scans were obtained to
evaluate the effect of system noise and random -frame
positions within the 0.2 mm frame spacing on the degree
of correlation achievable following registration. The re-
maining 12 scans were acquired at tilt angles from 1° to
12° in 1° increments.

All scans were registered to the first 0° scan in a

* two-stage process employing full affine transformations

in the second stage. The decorrelation analysis was per-
formed on a speckle subvolume in a portion of the
phantom that was included in all 16 scans. To obtain an
estimate of the variation of correlation coefficients and
SNRs across the scanned volumes, the subvolume was
divided into 75 blocks of 30 X 30 X 9 pixels (x, y, 2).
Correlation coefficients between the registered scans and
the 0° reference were computed for each block. Table 1 m1
shows the average correlation coefficient p (and standard
deviations) for scans 14 registered onto 1. Note that, for

- the registration of 1 onto itself, p is 1.5% below the ideal

value of 1.0 due to the precision tolerance of the regis-
tration algorithm. For scans 2-4, p is 9 to 23% below
1.0, with no significant correlation between the average
frame displacement and the final correlation coefficient.
In Fig. 6a, the average correlation coefficients are plotted ¥s
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Table 1. Intensity correlation coefficients in a region of
speckle in four scans (1-4) obtained in the focal lesion
phantom at 0° transducer tilt and registered onto scan 1 using
full affine transformations. Az is the average displacement in
scan direction of a frame relative to the corresponding frame
in scan 1, p and Ap are the mean and standard deviation of
the correlation coefficient, respectively

Scan No. Az (um) ) Ap
1 0 0.985 0.004
2 21 0913 0.022
3 71 0.765 0.078
4 89 0.338 0.017

as a function of tilt angle for all scans obtained. The
value plotted at 0° is the average correlation coefficient
of registered scans 2—4. '

Each of the registered scans was compounded with
the 0° scan. The SNR was computed in the same blocks
as the correlation coefficient. In Fig. 6b, the SNR of the
compound images is plotted as a function of tilt angle.
Again, the value plotted at 0° is the average of scans 2—-4
compounded with scan 1. Note that the computed SNR
generally increases with decreasing block size. For large
blocks, inhomogeneities in the ultrasound image increase
the standard deviation and thus reduce SNR. For blocks
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smailer than or comparable with the speckle size, the
intensity variation across an entire speckle cell gets un-
derestimated, which increases SNR unrealistically. The
block size chosen was a compromise between the two
extremes, with about 40 resolution cells per block.

Compounding in focal lesion phantom

In the focal lesion phantom, a volume containing
about 50 3-mm “voids™ was scanned at vatious tilt
angles of the transducer. A reference scan (scan 1) was
obtained at 0° , additional scans (scans 2-5) were ob-
tained at 4.0, 8.4, 12.7 and 16.8° . Scans 2-5 were
registered with the reference scan in a two-stage process,
employing full affine transformations in the final stage.
Between 35 and 45 spheres were localized and seg- -
mented in each scan using ALS. Figure 7 shows a sample ¥7

“frame from scan 1, with cross-sections of the segmented

inner and outer boundaries of the spheres drawn in white.
The registration errors for these scans, defined as the
average displacement between corresponding spheres,
are summarized in Table 2. T2
ALS was applied again to determine positions, and
radii of spheres in the volumes compounded from of twof’
to five individual scans. The computed border width of
the spheres ranged from 0.64 mm to 0.69 mm and did not
increase significantly with the number of volumes com-
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Fig. 6. (a) Correlation coefficients as function of tilt angle. (b) SNR of the speckle region following compounding of
two data sets as a function of dlt angle difference. The error bars indicate = 1 standard deviation.
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Fig. 7. Sample frame from phantom scan 1 with cross-sections

of all segmented spheres drawn in white, The two radii dis-

played for each circle are 7, and ryq, the radii of 10% and 90%

signal increase from the interior to the exterior of the spheres,
as defined in Fig. 5. ‘

pounded. This result differs from an earlier analysis of
the 2D border width within the image planes alone.
There, the computed average border width was 0.52 mm

and showed a significant 17% increase from the uncom-

pounded reference volume to the volame compounded
from five scans.

In the same compound volumes, the CNR was com-
puted by choosing a 30 X 280 X 40 pixel volume of
speckle as background, and using.the interior of all

spheres with radius ), as objects. The SNR in the .

background region alone increased monotonically with
the number of compounded scans and reached an im-
provement of 94% when compounding all five scans,
closely matching the value of 90% obtained using eqn

Table 2. Average registration errors of scans obtained in the

focal lesion phantom and registered to the 0° reference scan

1 with a global full affine transformation. d and 4., are the

average and maximum displacement, respectively, between

the centers of 30—40 spheres identified in the reference and
the tilted scans. Ad is the standard error of d

: Tile
Scan No. angle d (mm) Ad (mm) dyoy (mm)
2 4.0° 0.26 0.019 0.58
3 8.4° 0.32 0.031 0.72
4 12.7° 0.41 0.033 1.06
5 16.8° 0.25 0.026 0.52
Combined 0.31 0.016 1.06

1.8

1.6} (123,454

(1.3.4,5)

1 2 3 4 5
# of views

Fig. 8. Contrast-to-noise ratio (CNR) in the focal lesion phan-
tom for a single-sweep volume (one view, reference) and for
compound volumes created from two, three, four and five
individual views. Each cross corresponds to a compound; vol-
ume created from a specific subset of the individual scans. For
each number of views, the indices in parentheses indicate the
subsets of scans that led to the highest and lowest CNR.

<‘I:>/ 0:",- a‘w{ 9&:}‘
(4) with measured parameters issert-equation.from-ssp
16~ Similarly, the average CNR increased from 0.79 to
1.56, yielding a 97% increase in CNR for the volume
compounded from five look directions (Fig. 8). Figures 9
and 10 show examples of axial-lateral and axial-eleva-
tional cross-sections, respectively, through (a) the un-
compounded volume,.and volumes compounded from
(b) three and (c) five look directions. Note the better

* definition and higher contrast of the spheres in the com-

pounded images. Some of the spheres are difficult to
identify in Fig. 9a, but are clearly visible and separable in
Fig. 9c (white arrows). Also note the reduced shadow
below the nylon wire in Fig. 10c. Different CNRs were
obtained when using a fixed number, but different sub-
sets of constituent volumes (i.e., different tilt angles).
Compounding two scans separated by 16° in look direc-
tion (scans 1, 5; Fig. 11a) yielded an 11% larger CNR
than two scans separated by 4° (scans 1, 2; Fig. 11b).
Compounding three scans separated by 8° (scans 1, 3, 5)
yielded a 9% larger CNR than three scans separaied by
4° (scans 1, 2, 3).

Figure 12 shows isosurface renderings of a subvol-
ume of the (a) uncompounded and (b) fully compounded
scans. In each case, the isosurface level was adjusted for
optimal display of the 3-mm spheres. No further process-
ing, such as manual reduction of clutter, was applied.

F10

Fil

F12
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Fig. 9. Axial-lateral (B-mode) cross-section of the image volume obtained in the focal lesion phantom. (a) Uncompounded, (b)

compounded from three look directions (8 = 0.0°, 8.4° and 16.8°, (c) compounded from five look directions (8 = 0.0°, 4.0°, 8.4°,

12.7° and 16.8°). Note the overall reduction in granularity and better definition of the circular boundaries in (b) and (c). The white

arrows point to spheres clearly visible in (c), but harder to identify in (a). The black arrow points to a border between two spheres

well defined in (c), but washed out in (a). The bright band across the center of the images is an artifact produced by the ultrasound
‘ scanner.

Compounding in vivo

The lower inner quadrant in the right breast of a
56-year-old female volunteer patient was scanned five
times at transducer tilt angles of 0, 6.4, 12.8, —5.1 and
—10.2°. The scans consisted of 100 frames each, with an

Fig. 10. (a) Axial-elevational cross-section of part of the un-

compounded reference volume in the focal lesion phantom. (b)

The same cross-section compounded from three and (c) from

five look directions. The bright spot (arrow) is the cross-section

of a shadow-casting nylon filament. Note the clearer definition

of the spheres and the reduced shadow in the compounded
views.

average frame spacing of 0.3 mm. The volume covered a
6.5-mm diameter benign-appearing mass in the second

 half of the scan. Following interpolation, the voliime was

cropped to 60 frames of 280 X 280 pixels each to
exclude strongly motion-distorted portions of the volume
and speed up the registration process.

Scans 2 to 5 (S2 to S5) were registered onto scan 1
(S81) in two processes. First, a two-stage registration with
full affine transformations in the final stage was applied,

Fig. 11. (a) Cross-section of a subvolume compounded from

two look directions separated by 16°. (b) The same cross-

section compounded from two views separated by 4°, The

images are very similar, but a slightly better reduction of
speckle in (a) is noticeable.
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Fig. 12. Isosurface rendering of a 220 X 190 X 35 pixel subvolume. (2) In the uncompounded reference volume and
in (b) the volume compounded from five look directions. Note the much more complete display of the surfaces of the
3-mm spheres in (b), as well as the strongly reduced clutter compared to (a).

yielding a first set of registered scans S2g, to S5¢,. Then,
seven control points were added in and around the sus-
picious mass: one in the center, and one each about 6 mm
from the center in the * x, y, and z directions. The
registration process was repeated using thin-plate spline
(TPS) warping with all 11 control points in an additional
third stage, yielding a second set of registered scans S2;
t0 85,5

Both sets of registered image volumes were com-
pounded. Figure 13 shows examples of uncompounded
image frames in the reference (a, d) scan 12 and 9 mm

_ inferior to the mass and the corresponding frames fol-
lowing TPS-warped registration and compounding from -

(b, e) three and {(c, f) five views. ‘

The average registration error was assessed in both
sets using manual definition of common landmarks. One
B-scan frame each of S1, S(n)g,, and S(n)y,, were dis-
played simultaneously. For each n = 2. . .5, the operator
defined triplets of landmarks by browsing through the
frames of each volume separately and placing markers in
structurally defined positions visible in all three images.

" The z-coordinate (frame position) of a marker was de-

termined first by finding the frame (or fraction of frame)

. in S(n)g, and S(n),,, that best matched a given frame (or

fraction thereof) in S1. The x and y coordinates were then
determined within these frames, based on landmarks
such as intersections of tissue planes, small, point-like

_ reflectors, or centroids of clearly visible structures.

For each S(n)g, and S(n)ys, 7 = 2... 5, 134156
common landmarks were defined, yielding a total of 566

landmark triplets. Average misregistrations for the full
affine and the warping registration were defined as the
mean distance between points defined in S1 and S(n),, or
S(n),s, Tespectively. Table 3 summarizes the resulting
registration error estimates. On average, the additional
TPS warping reduced the registration error in the entire
scans by about 10%. Statistical significance of the dif-
ference between the two estimates was calculated using
two-sided, paired t-tests on individual volume pairs and
on all scans combined. In the combined result, and in the
registrations of scan 5 with 1, the error estimate in the
TPS-warped registration was found to be significantly
smaller than in the affine registration at the & = 0.05
significance level. In the remaining tests, the percentile
of the r-distribution ranged from 0.859 to 0.972.

A spherical region-of-interest (ROI,) with radius 6

mm was defined (Fig. 14), centered in the lesion, and Fu4

thus including the seven warping control points. For each
registered scan, an error estimate was calculated based
on landmarks in this ROI only, and the results were
compared for TPS-warped and full affine registrations.
The TPS-warped registrations were significantly more
accurate (at a = 0.05) for each individual scan, reducing
the registration error by 32.9% on average (range 18.5%
to 62.3%) compared to the full affine registration.
Concentric, larger ROIs with radii extending 2—-10
mm beyond ROI,, were then defined in the same location,
and the analysis was repeated for each ROL Analyzing
each scan individually, the registration error in TPS-
warped registrations was significantly smaller (at o =
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Fig. 13. The two columns of images display two different image frames from the volume scans obtained in a 56-year-old

female's breast in vivo. From top to bottom, the images are (a, d) uncompounded, (b, ) compounded from three, and

(c, f) from five look directions. Image sets registered with TPS warping were averaged to create the compounded views.

The black arrows denote one of several slightly hypoechoic, apparently lobulated inhomogeneities which appear above

the noise in the compounded views, but not in any of the constituent single views. (c) Note also the improved delineation

of connective tissues (white arrows) and of (f) (white arrow) the dark muscle or rib in the lower left of as well as the
tissue striations extending to the right of it.
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Table 3. Registration errors obtained in four in vivo scans followmg different registrations with reference scan 1.

Cue registration employed global full affine transformations, the other thm-plate spline (TPS) warping. d and dm‘,ix

are the average and maximum distance, respectively, between 134 to 156 pairs of landmarks manually defined in
each pair of scans (1 and n, n = 2...5). Ad is the standard error of &

11

Registration type Full affine TPS-warped
Scan No. Tile angle d (mm) Ad (mm) B () d (mm) Ad (mm) 4y ()
2 6.4° 0.79 0.039 195 073 0.041 2.54
3 12.8° 0.72 : 0.053 2.68 0.67 0.046 272
4 -5.1° 0.62 0.073 492 0.59 0.070 4.80
5 -10.2° 0.58 0.029 223 0.48 0.027 2.39
Combined 0.68 0.025 492 0.61 0.024 4.80

0.05) than in the full affine registration for ROIs of up to
10 mm radius. For all scans combined, the TPS-warped
registration was significantly more accurate for all ROIs
tested. The relative difference between the two types of
registrations (i.e., the relative improvement achieved by
TPS warping) decreased with increasing radius of the
ROL Figure 15a and b show the error estimates and the
relative improvement from full affine to TPS-warped
registration, respectively, vs. radius of the ROI, for all
scans combined.

DISCUSSION

In this study, techniques for creating and evaluating
3D compound images were developed. The feasibility of
3D spatial compounding using automatic, nonrigid reg-
istration was demonstrated. In the first experiment, the
range of usable differential tilt angles was established,
The speckle pattern was found to decorrelate rapidly for
small tilt angles (¢ = 5°). For larger angles (5° = a =<
12°), the correlation decreased significantly more slowly,

Contl:'ol °Points

Fig. 14. Three-dimensional display of the in vivo image volume
showing one of the original B-frames and two orthogonal
planes. Five of the control points in the ROI are visible.

and remained above the correlation predicted by theory.
This effect suggests that the image volume obtained is
not “pure” speckle at the high acoustic frequency range
employed here. For small tilt angles, the global correla-
tion coefficient is dominated by speckle and thus de-
creases rapidly. Once the speckle is decorrelated, re- -
maining structure will dominate the correlation coeffi-
cient, which then decreases more slowly or remains
constant. These results and theory suggest that the ideal
differential tilt angle for acquisition of a large number of
sufficiently decorrelated views within a given interval of
usable tilt angles is about Aa = 5° to 6°. Differential
angles close to this range were used in subsequent phan-
tom and ir vivo scans.

In the focal lesion phantom, very accurate registra-
tions with an average registration error of 0.31 min were
obtained. This error includes the finite accuracy of ALS
in defining the center of the spheres,.and thus constitutes
an upper bound for the registration error. The misregis-
tration did not lead to a significant increase of the 3D
border width of the spheres segmented in the phantom
volumes. However, an earlier analysis based on the 2D
border width of cross-sections of the spheres obtained in
the axial-lateral image planes had shown a 17% increase
of the width in the volume compounded from five views
compared to the uncompounded volume. This may be
due to the fact that the misregistration is small compared
to the elevational resolution of the system, but not com-
pared to the axial and lateral resolution.

The increase in SNR and CNR closely followed the
theoretical values for averaged partially correlated im-
ages. Using different subsets, but identical numbers,
of volumes for compounding only led to a moderate
change in CNR, indicating that the image quality does
not strongly depend on the differential tilt angle (with—
in a reasonable range). The mean contrast < ;..
<Zpackgrouna=> Was mot changed significantly between
uncompounded and compounded images, resulting in an
almost identical increase of CNR and SNR.

The isosurface renderings displayed in Fig. 12 dem-
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Fig. 15. (a) Registraﬁon errors in spherical ROIs centered in a cluster of seven warping control points, for registrations obtained using
full affine transformations and TPS warping. The error bars indicate + 2 standard errors of the mean. (b) The relative improvement

from full affine to TPS warped registrations changed monotonically from 33% to 15% for 6 to 16 mm ROI radii.

onstrate the potential value of compounding when using
other (nonstandard) display techniques. Clearly, the ren-
dering of the uncompounded volume is unsatisfactory.
Most of the spheres have incomplete surfaces, and al-
ready clutter is obscuring much of the image. Reducing
the clutter by lowering the isosurface level resulted in
even sparser display of the spheres’ surfaces. A more
sophisticated algorithm or manual cropping of clutter
would be required to clear up the image. On the other
hand, isosurface rendering of the compounded volume
gives a reasonable, although not complete, representation
of the spheres. Again, additional processing is required
to display the complete surfaces of the spheres without
clutter, but the images suggest that this can be achieved
much easier in compounded than in uncompounded voi-
urnes.
A 120% increase in SNR was found in the com-
pounded in vivo scans, close to the 1dea1-1-£§:‘§ﬂeq&a&m
from-msp-22- (corresponding to 124%) for uncorrelated
- views and larger than the 94% increase in the phantom
§ scans. The larger differential tilt angle (A %6°) is un-

likely to account for this result alone. Additional decor- -

relation between registered views is introduced by in-
creased misregistration, which leads to stronger reduc-

¢ tion of speckle in the compound volume.
The examples in Fig. 13 display improvements in

several aspects of (c, f) the fully compounded images
compared to (a, d) the uncompounded ones. The increase
in SNR is evident as a noticeable reduction of speckle,
which gives the images (c) and (f) a “smoother” appear-
ance. Note the better delineation of connective tissues
(white arrows in (c)) and of the dark muscle or rib (white
arrow in (f)) in the compounded images. Most important,
note the slightly hypoechoic, lobulated inhomogeneities
surrounding the left end of the horizontal hyperechoic
structure on the central right (black arrows). Many of
these very low contrast structures cannot be seen in the
corresponding uncompounded frames. Similar improve-
ments, but less pronounced, are visible in the images
compounded from only three look directions (b, €). To
some observers, the loss of high-contrast speckle may
appear as overall image blur. The sharp delineation of
connective tissues in the compounded images, however,
shows that this is not the case, and that blurring due to
misregistration is small.

Increased misregistration in vivo compared to the
phantom scans was expected since tissue deformation,
specular reflectors, shadows and refraction-causing tis-
sue inhomogeneities make compounding in vivo a much
more challenging task. The mean error throughout the
volume of 0.68 mm (full affine) and 0.61 mm (TPS-
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warped) still compares well to the resolution cell size of
the transducer (about 0.4 X 0.8 X 1.2 mm%.! -

The analysis within the ROI is even more important.
Affine registration displayed a significantly larger regis-
tration error in the ROI (1.24 mm) than in the remainder
of the volume (0.64 mm). Apparently, the lesion and its
surrounding tissues are particularly rigid and seem to
shift strongly in the softer background tissues that are
deformed during the scans. The global full affine regis-
tration cannot compensate for these local shifts. By plac-
ing additional control points in the ROI and allowing
warping transformations, the tissue deformation could be
partly corrected, thus decreasing the registration error in
the ROI to 0.83 mm. '

FUTURE WORK

The registration may be improved by adding more
control points in the ROI, or by modifying the initial
positions of the control points. Each control point added
introduces three additional degrees of freedom and in-
creases the complexity of the registration transformation.
More research is needed on how many control points can
be supported by a given image set, and how the initial
control points can be placed in an optimal way.

To fully exploit the diagnostic value of 3D com-
pounding, compound images may be displayed in paral-
lel with single view images. This would allow simulta-
neous appreciation of the specific strengths of the two
modes (e.g., high CNR in compound images and high
spatial resolution in single view images).

So far, compounding using nonrigid image registra-
tion has only been applied to breast scans. Compounding
other organs that are accessible fhrough a sufficiently
" large scanning window (e.g., liver, kidneys) should be
tested in the future.

Preprocessing of the data sets for improved regis-
 tration speed, robustness and accuracy, as well as new
display techniques, should be explored. Strong shadows
in the ultrasound images may set off the registration
procedure and should therefore be corrected or excluded
from the registration. Low-pass filtering of the speckle
noise may accelerate convergence of the optimization
algorithm. Registration time is also expected to drop
significantly with optimized software, faster computers
or dedicated hardware. A ten-fold increase in processor
speed can be expected in 5 years at the current rate of
change. Upgrades into modest parallel computing, an
approach taken by GE Corporate R&D for real-time
phase aberration corrections (Rigby et al. 1998), may
already bring registration times down to less than 1 min,

!Axial X lateral X elevational resolution, measured as the full
width at half-maximum of the decorrelation curve.

and thus allow nonrigid registration of one 3D scan while
the next one is being acquired. The fundamental limit in
compound scan acquisition is the ultrasonic data rate,
which in turn determines the frame rate (for conventional
2D acquisition systems) or volume rate (for 3D acquisi-
tion systems). Assuming a frame rate of 520 Hz for
typical high-resolution, multifocal gray scale images,
and 100200 frames per volume, a typical volume can be
obtained in 5-40 s. This is on the order of, or below, the
estimated processing times above, making the registra-
tion procedure the limiting factor in the short- to medi-
um-term future.

The registration procedure may also be applied to
improve spatial resolution in 2D compounding. Com-
pared with 3D registration, alignment of 2D images will
run at least 50 to 100 times faster due to the reduced
amount of data. Two-dimensional registration, however,
cannot correct for refraction out of the image plane.
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Abstract :
Preclinical and in vitro studies have determined that
copper is an important cofactor for angiogenesis. Tetrathio-
molybdate (TM) was developed.as an effective anticopper
therapy for the initial treatment of Wilson’s disease, an
autosomal recessive disorder that leads to abnormal copper
accumulation. Given the potency and unigueness of the

anticopper action of TM and its lack of toxicity, we hypoth- .

esized that TM would be a suitable agent to achieve and
maintain mild copper deficiency to impair neovasculariza-
tion in metastatic solid tamors. Following preclinical work
that showed efficacy for this anticopper approach in mouse
tumor models, we carried out a Phase I clinical trial in 18
patients with metastatic cancer who were enrolled at three
dose levels of oral TM (90, 105, and 120 mg/day) adminis-
tered in six divided doses with and in-between meals. Serum
ceruloplasmin (Cp) was used as a surrogate marker for total
body copper. Because anemia is the first clinical sign of
copper deficiency, the goal of the study was to reduce Cp to
20% of baseline value without reducing hematocrit below
80% of baseline. Cp is a reliable and seusitive measure of
copper status, and TM was nontoxic when Cp was reduced
to 15-20% of baseline. The level I dose of TM (120 mg/

Received 7/19/99; revised 11/1/99; accepted 11/9/99.

The costs of publication of this article were defrayed in part by the
payment of page charges. This article must therefore be hereby marked
advertisement in accordance with 18 U.S.C. Section 1734 solely to
indicate this fact.

! Supported by NIH Grants RQ3-CA-77122 (to S.D.M.), P30-
€A46592 (to M. W.), and MOI-RR00042 (to the General Clinical
Research Center); the Tracy Starr Award from the Cleveland Founda-
tion (to S.D. M.); a grant from the Tempting Tables Organization (to
S.D.M.); and donors to the University of Michigan Comprehensive
Cancer Center.

*To whom requests for reprints should be addressed, at University of
Michigan Comprehensive Cancer Center, 7217 CCGC, 1500 East Med-
ical Center Drive, Ann Arbor. MI 48109-0948.

day) was effective in reaching the target Cp without added
toxicity. TM-induced mild copper deficiency achieved stable
disease in five of six-patients who were copper deficient at
the target range for at least 90 days. :

Introduction

The concept of antiangiogenic treatment for solid tumors,
which was pioneered by Folkman (1-3), bas a firm rationale and
shows efficacy in animal timor models (4—12). Compounds that
interfere with critical steps in the angiogenesis cascade are
reaching the clinic (13). The steps required for successful tumor
angiogenesis at the primary and metastatic sites are diverse, and
they depend on an imbalance between angiogenesis activators
(14-15) such as vascular endothelial growth factor and basic
fibroblast growth factor and inhibitors such as thrombospondin
1 (16-20), angiostatin (21-23), and endostatin (10). The relative
importance of the different angiogenesis-modulating molecules
in different tissues may determine the relative potency of anti-
angiogenic compounds to elicit a response at both the primary
and metastatic sites. Therefore, it would be very desirable to
develop an antiangiogenic strategy that would affect multiple
activators of angiogenesis in order for it to be generally appli-
cable to human tumors. Because copper is a required cofactor
for the function of many key mediators of angiogenesis, such as
basic fibroblast growth-factor (24-27), vascular endothelial
growth factor, and angiogenin (28), we have developed an
antiangiogenic strategy for the treatment of cancer based on the
modulation of total body copper status. The underlying hypoth-
esis of this work is that a window of copper deficiency exists in

* which angiogenesis-is impaired, but other copper-dependent

cellular processes are not affected enough to cause clinical
toxicity.

It has been amply demonstrated that copper is required for
angiogenesis (29-31), and several years ago, some promising
animal tumor model studies were carried out using an anticop-
per approach (32-33). The chelator penicillamine and a low-
copper diet were used to lower copper levels in rats and rabbits
with implanted intracerebral tumors. However, although they
showed reduced tumor size, the animals treated with the low-
copper regimen did not show improved survival over untreated
controls. :

For the past 20 years, we have developed new anticopper
therapies for Wilson’s disease, an autosomal recessive disease
of copper transport that results in abnormal copper accumulation
and toxicity. One of the drugs currently being used, TM,? shows
unique and desirable properties of fast action, copper specificity,

"and low toxicity (34-36), as well as a unique mechanism of

3 The abbreviations used are: TM, tetrathiomolybdate; Cp, ceruloplas-
min; Het, hematocrit; GI, gastrointestinal; CAT, computer-assisted to-

mography.
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action. TM forms a stable tripartite complex with copper and
protein. If given with food, it complexes food copper with food
protein and prevents absorption of copper from the GI tact.
There is endogenous secretion of copper in saliva and gastric
secretions associated with food intake, and this copper is also
complexed by TM when it is taken with meals, thereby prevent-
ing copper reabsorption. Thus, patients are placed in a negative
copper balance immediately when TM is given with food. If TM
is given between meals, it is absorbed into the blood stream,
where it complexes either free or loosely bound copper with
serum albumin. This TM-bound copper fraction is no longer
available for cellular uptake, has no known biological activity,
and is slowly cleared in bile and urine. .
The underlying hypothesis of an anticopper, antiangiogeni
approach to cancer therapy is that the level of copper required
for angiogenesis is higher than that required for essential cop-

per-dependent cellular functions, such as heme synthesis, cyto-

- chrome function, and incorporation of copper into enzymes and
- other proteins. Because of the unique and favorable character-
istics of TM as an anticopper agent compared with other anti-
copper drugs, we evaluated it in animal tumor models for
toxicity and efficacy as an anticopper, antiangiogenic therapy.
These studies showed efficacy in impairing the development of
de novo mammary tumors in Her2-neu transgenic mice (12), and
TM showed no clinically overt toxicity as copper levels were
decreased to 10% of baseline. Here we report the first human
trial of an anticopper approach to antiangiogenesis therapy
based on the use of TM in patients with metastatic cancer. This
Phase I trial of TM yielded information on-dose, dose response,
evaluation of copper status in patients, and toxicity (37). Al-
though the study was not designed to definitively answer effi-
cacy questions, we report preliminary observations on efficacy
and novel approaches to following disease status in trials of
antiangiogenic compounds.

Patients and Methods .

Patients. FEighteen adults with metastatic solid tumors
exhibiting measurable disease, life expectancy of 3 or more
months, and at least 60% Karnofsky performance status were
enrolled. We excluded patients with effusions or bone marrow
involvement as the only manifestations of disease and those who
had severe intercurrent illness requiring intensive management
or were transfusion dependent. Patients had to have recovered
from previous toxicities and had to meet the following require-
ments’ for laboratory parameters: (@) WBC = 3,000/mm?>; (b)
absolute neutrophil count = 1,200/mm?; (¢) Het = 27%; (d)
hemoglobin = 8.0 g/dl; (e) platelet count = 80,000/mm?>; ()
bilirubin = 2.0 mg/dl; (g) aspartate aminotransferase and ala-
nine aminotransferase < 4 times the upper limit of institutional
norm; (h) serum creatinine < 1.8 mg/dl or calculated creatinine
clearance = 55 ml/min; (i) calcium < 11.0; () albumin = 2.5
g/dl; (k) prothrombin time = 13 s; and (I) partial thromboplastin
time =< 35 s. Other requirements were demonstrable progression
of disease in the previous 3 months after standard treatments
such as surgery, chemotherapy, radiotherapy, and/or immuno-
therapy or progressive disease after declining conventional
treatment modalities. '

Treatment Schema: Doses and Escalation. Three dose
regimens were evaluated. All dose levels consisted of 20 mg of
TM given three times daily with meals plus an escalating (levels
1, 10, and OJ) in-between meals dose given three times daily for
a total of six doses/day. Loading dose levels I, II, and I
provided T™M at 10, 15, and 20 mg, three times daily between
meals, respectively, in addition to the three doses of 20 mg each
given with meals at all dose levels. _

Baseline Cp was taken as the nearest Cp measurement to -
day 1 of treatment (including day 1) because blood was drawn
before TM treatment from all patients. The target Cp reduction
was defined as 20% of baseline Cp. Due to Cp assay variability
of approximately 2% at this institution, a change of Cp to 22%
of baseline was considered as achieving the desired reduction of
copper. In addition, if the absolute Cp was less than 5 mg/dl,
then the patient was considered as having reached the target Cp.
No patient reached the 5 mg/dl target without also being at least
78% reduced from baseline. After reaching the target copper-
deficient state, TM doses were individually tailored to maintain
Cp within a target window of 70-90% reduction from baseline.

Six patients were to be enrolled at each dose level. After
four patients were enrolled at level L, if one patient experienced -
dose-limiting toxicify (defined as Het < 80% of baseline), two
more patients were enrolled at level I. If no dose-limiting
toxicity was observed, patients were enrolled at the next dose
level. Treatment was allowed to continue beyond induction of
target copper deficiency if the patients experienced a partial or
complete clinical response or achieved clinical stable disease by
the following definitions. Complete response is the disappear-
ance of all clinical and laboratory signs and symptoms of active
disease; partial response is a 50% or greater reduction in the size
of measurable lesions defined by the sum of the products of the
longest perpendicular diameters of the lesions, with no new
lesions or lesions increasing in size. Minor response is a 25—
49% reduction in the sum of the products of the longest per-
pendicular diameters of one or more measurable lesions, no
increase in size of any lesions, and no new lesions; stable
disease is any change in tumor measurements not represented by
the criteria for response or progressive disease; progressive:
disease is an increase of 25% or more in the sum of the products
of the longest perpendicular diameters of any measurable indi-
cator lesions compared with the smallest previous measurement
or appearance of a new lesion. Because copper deficiency is not
a cytotoxic treatment modality, the patients who provide infor-
mation about the efficacy of TM for long-term therapy in this
population of patients with advanced cancer are primarily those
who remained within the target Cp window of 20 * 10% of
baseline for over 90 days without disease progression.

Monitoring of Copper Status. A method was required
to monitor copper status easily and reliably, so that the TM dose
could be adjusted appropriately during this trial. With TM
administration, serum copper is not a useful measure of total
body copper because the TM-copper-albumin complex is not
rapidly cleared, and the total serum copper (including the frac-
tion bound to the TM-protein complex) actually increases dur-
ing TM therapy (34-36). The serum Cp level obtained weekly
was used as a surrogate measure of total body copper status. Cp
was measured by the oxidase method; the Cp measurements

were made by’ nethelometry (differential light scattering from a
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colored or turbid case solution with respect to a control solution)
using an automated system and reagents available commercially
(Beckman Instruments, Inc., Fullerton, CA). The serum Cp level
is controlled by Cp synthesis by the liver, which, in turn, is
determined by copper availability to the liver (38). Thus, as total
body copper is reduced, the serum Cp level is proportionately
reduced. The serum Cp level is in the range of 20-35 and
30-65 mg/dl for normal controls and cancer patients, respec-
tively. Our objective was to reduce Cp to = 20% of baseline and
to maintain this level, within a window spanned by 20 = 10%
of baseline Cp, with typical Cp values in the range of 7-12
mg/dl. Because there appears to be no untoward clinical effects
" from this degree of copper reduction, we have termed this level
of copper deficiency “chemical copper deficiency.” The first
indication of true clinical copper deficiency is a reduction in
blood cell counts, primarily anemia, because copper is required
for heme synthesis as well as cellular proliferation (36). Thus,
the copper deficiency objective of this trial was to reduce the Cp
o < 20% of baseline without decreasing the patient’s Hct or
WBC to below 80% of baseline value at entry.

Texicity, Follow-Up, and Disease Evaluation. Com-
plete blood counts, liver and renal function tests, urinalyses, and
Cp level were performed weekly for 16 weeks and then per-
formed biweekly at the clinical laboratories of the University of
Michigan Health System or at other affiliated certified labora-
tories. Physical examinations and evaluations of toxicity were
carried out every 2 weeks for 8 weeks and then performed every
4 weeks for the duration of therapy. Toxicity was evaluated
using the National Cancer Institute Common Toxicity Criteria.
Extent of disease was evaluated at entry, at the point of achieve-
ment of copper deficiency (defined as Cp = 20% of baseline),
and every 10-12 weeks thereafter. CAT or magnetic resonance
imaging was used as appropriate for conventional measurement
of disease at all known sites and for evaluation of any potential
new sites of disease. Angiogenesis-sensitive ultrasound with
three-dimensional Doppler analyses was used in select cases as
an adjunct to conventional imaging to evaluate blood flow to the
tumors at different time points.

. TM Preparation and Storage. TM was purchased in

bulk lots suitable for human administration (Aldrich Chemical
Company, Milwaukee, WI). Because TM is slowly degraded
when exposed to air (oxygen replaces the sulfur in the molecule,
rendering it inactive; Refs. 34-36), it was stored in 100-g lots

under argon. At the time a prescription was written, the appro-

priate dose of TM was placed in gelatin capsules by research
pharmacists at the University of Michigan Health System. Pre-
viously, we had shown that TM dispensed in such capsules
retained at least 90% of its potency for 8 weeks (34). Thus, TM
was dispensed to each patient in 8-week installments throughout
the trial.

Measurement of Blood Flow. Blood flow was measured -

by ultrasound in select patients with accessible lesions at the
time they became copper deficient and at variable intervals of
8~16 weeks thereafter. Three-dimensional scanning was per-
formed on a GE Logiq 700 ultrasound system, with the 739 L,
7.5 MHz linear array scanhead. The scanning and vascularity
quantification techniques were as described previously by the
authors (39, 40).

Results

Patient Characteristics
Eighteen eligible patients (10 males and 8 females) with 11
different types of metastatic cancer who had progressed through

‘or (in one case) declined other treatment options were enrolled

in the trial in the order in which they were referred. Six, five,
and seven paments were enrolled at the 90, 105, and 120 mg/day
drug levels, respectively, following the protocol dose escalation
schema. One patient originally assigned to the 105 mg/day level
was removed early to pursue cytotoxic chemotherapy, due to
rapid progression of disease. This same patient was later re-
treated at the 120 mg/day level for a longer duration; thus, he is
counted only at the 120 mg/day level for the analyses. The
average age was 59 years; the average baseline Cp was 47.8
mg/dl, which is elevated with respect to the normal level,
reflecting the patients’ disease status. Table 1 summarizes the
patient characteristics for each dose level.

Toxicity :
~ There were no. cardxac, pulmonary, GI, renal, hepatic, he-
matological, infectious, skin, mucosal, or neurological toxicities '
observed for Cp levels at or above 20% of baseline. Mild
(>>80% of baseline Hct) reversible anemia was observed in four
patients with Cp levels between 10-20% of baseline. Two of
these patients had been treated with cytotoxic chemotherapy,
and two patients had evidence of extensive bone marrow in-
volvement with their disease at the time of entry into the trial.
Although in the latter two cases, the anemia was most likely due
to causes other than treatment, TM was temporarily discontin-
ued until Het ‘was restored to acceptable levels with a transfu-
sion of 2 units of packed RBCs. In one patient, it is very likely
that the copper deficiency caused by TM produced the anemia.
Stopping administration of the drug allowed the Hct to recover
within 5-7 days without the need for transfusion; at the patient’s
request, TM was restarted at a lower dose, without further
complications of anemia. Several patients expérienced transient,
occasional sulfur-smelling burping, within 30 min of TM inges-
tion. No additional toxicities of any type were observed with
long-term maintenance of mild clinical copper deficiency over
8-15 months. Of note, no evidence of GI or other mucosal
bleeding or impaired healing of minor trauma were observed
with long-term therapy. One premenopausal patient with exten-
sive metastatic renal cancer experienced normal menstrual pe-
riods during TM therapy, including 2.5 months of observation
while she was copper deficient with Cp < 20% of baseline.

Cp as a Surrogate Measure of Copper Status ,
Fig. 1 shows the response of Cp as a function of time on
TM therapy, expressed as the ratio of Cp at time ¢ to baseline Cp
level for each patient enrolled at the 90, 105, and 120 mg/day
dose levels. Increasing the in-between meals dose from 10 mg
three times daily to 15 or 20 mg three times daily had no
significant effect on the rate of decrease of the Cp level, reach-
ing a level of 50% baseline at a mean of 30 days (median = 28
days). The response of Cp to TM therapy as a function of time
exhibited only minor fluctuations; when TM was discontinued,
a rapid rise in Cp was observed within 48 h. :
Four patients were removed from study due to progression
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Table 1 Patient characteristics

Assigned TM Dose (mg/day)

. 90 105 : 120 Total.

No. of patients 6 5 7 18

Sex (M/F) 33 174 _6/1 : 10/8

Mean age (SD) (yrs) 64 (12) 60 (12) 531D 59 (14)

Primary Tumor . -
Breast 2 2 ] 4
Colon 0 1 0 1
Lung 1 0 0 1
Melanoma 0 0 1 1
Pancreas 0 1 Q 1
Prostate 2 0 0 2
Angiosarcoma 0 0 2 2
Chondrosarcoma 0 1 0 1
Nasopharyngeal tumor 0 0 1 1
Hemangioendothelioma 0 0 1 1
Renal tumor 1 0 2 3

Baseline . .
Baseline Cp mean 526 - 493 427 47.8

~ Baseline Cp range 36.6-74.1 38.1-65.0 31.9-527 31.9-74.1
Baseline Hct mean 31.9 37.2 419 373
Baseline Het range -26.6-35.6 33.842.5 35.4-45.7 . 26.6-45.7

of disease before achieving the target Cp of 20% of baseline,
whereas the remaining 14 patients achieved the target Cp level.
Because all 14 patients who achieved the target Cp level wished
to remain on study, they were allowed to do so, according to the
protocol, as long as they did not exhibit disease progression or
toxicity. The TM doses were adjusted in these patients to main-
tain the Cp level between 10-20% of baseline. These patients
provide the preliminary evidence of the efficacy and long-term
tolerance of this approach.

Dose Adjustments to Maintain Target Cp

TM doses were adjusted to maintain a Cp target level of
20% of baseline and to prevent absolute Cp values < 5 mg/dl.
Due to the routine 7-day turn-around for the Cp test at our
laboratory, these dose changes were made approximately 7-10
days after the blood for the Cp measurement was taken. After
achieving the target Cp, the in-between meals dose was typically
decreased by 20 mg. Further decreases of 15-30 mg were
necessary during long-term therapy. A patient with metastatic
chondresarcoma secondary to radiation treatment for breast
cancer on long-term therapy has stable disease after 12 months
of copper deficiency, with stable quality of life. One biopsy-
proven metastatic nodule on her third digit is easily measurable
and has been stable. Other sites of suspected disease in the chest
also remain stable. Interestingly, this patient has required only a
minor adjustment to her TM dose from the initial loading dose
level to maintain the target Cp throughout this relatively long
period. Fig. 2, A and B, illustrates the Cp response to dose
adjustments required for two more representative patients over
approximately 100 days of therapy. Thus far, the patient in Fig.
2A has required only decreases in dose 60 days apart. Most
patients have required both an increase and a decrease in dose
during long-term therapy. For example, as shown in Fig. 2B, the
TM dose was increased after day 100 to respond to an increase
in Cp outside the. target range. Overall, there was considerable

individual variability in the dose adjustments required. In con-

clusion, the Cp response to TM therapy evaluated weekly is not

brittle or subject to wide fluctuations.

Measurement of Response of Metastatic Cancer to TM

Clinical Evaluation. Although the patients received dif-
ferent initial loading doses of TM, the Cp maintenance window
of 20 * 10% of baseline was used in all groups, regardless of
the loading dose. Patients who maintained this degree of copper
deficiency through tailored adjustments of the TM dose for over.
90 days are likely to reflect the antiangiogenic activity of TM
against their tumors. The period of 90 days is selected for two
main reasons. First, TM is not cytotoxic to either cancer or
endothelial cells and mainly impairs' endothelial cell function’
and proangiogenic factor production. This mechanism of action
is expected to have a very slow effect on the size of tumor
masses. Second, as tumors sequester copper, the microenviron-
ment of the tumor is expected to take a longer time to be
rendered copper deficient. Table 2 summarizes the clinical
course of the 18 patients.

Fourteen patients achieved the target copper deficiency
before disease progression or other disease complications. Of
these, eight patients either progressed within 30 days of achiev-
ing copper deficiency or have had stable disease for <90 days;
it is unlikely that most of these tumors experienced an antian-
giogenic environment long enough to evaluate clinical response
to this type of therapy. In all patients removed from the protocol
due to disease progression or choice and in one patient removed
from the protocol due to the need for abdominal surgery to
relieve a small bowel obstruction, much more rapid rates of
progression of disease were noted clinically after discontinua-
tion of TM therapy.

The remaining six patients experienced stable disease (five
of six patients) or progression of disease at one site, with stable
disease elsewhere (one of six patients). Two patients who have
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Fig.1 Cp as a surrogate marker of total body
copper status. Rates of decrease of the ratio of Cp
at time ¢ to baseline Cp as a function of days on
TM therapy are depicted for dose levels I, I, and
TIL. The average time to 50% reduction of Cp is 30
days. .

TM Dose = 120 mg/day

- stable " disease by standard-criteria also. experienced complete
disappearance of some lung lesions and a decrease in the size of

other lung lesions during observation periods at target Cp of 120 -

and 49 days. The five patients on long-term (>>90 days) main-
tenance therapy with stable disease have been copper deficient
for 120—413 days at the time of this analysis.

‘ Radiological Evaluation. Serial evaluations of tumor
masses by conventionial imaging with CAT scan or magnetic
- resonance imaging revealed that the radiographic appearance of
certain masses changed significantly over time. In particular,
areas of presumed central necrosis (corresponding to lower
attenuation of the X-ray signal) were observed in a variety of
tumor types, most notably renal cell cancer, angiosarcoma, and
breast cancer. Seeking to evaluate the blood flow to the tumors
as a function of time during copper deficiency on long-term TM
therapy, lesions accessible to ultrasound were imaged with color
flow three-dimensional ultrasound at the onset of copper defi-
ciency and at 2—4-month intervals thereafter.

A representative example of the comparison between con-
ventional CAT scan images and blood flow-sensitive three-
dimensional ultrasound is depicted in Fig. 3. Here, a rib metas-
tasis from renal cell carcinoma is depicted when the patient

reached target copper déﬁciency (Fig. 3, A and C) and 8 weeks

later (Fig. 3, B and D) by these two complementary imaging

modalities. Fig. 3, A and B, shows stable size of this lesion by
CAT scan over time, although a more distinct region of probable
central necrosis is observed in Fig. 3B. In comparison, the color
pixel density shown in Fig. 3, C and D, is the fraction of image
voxels within the margins of the mass filled with color flow
signals. There has been a 4.4-fold decrease in blood flow to this
mass.over a period of approximately 8 weeks. In addition to the
mass depicted in Fig. 3, this patient had extensive disease in the
chest, pelvis, and femurs.

TM in Combination with Other Treatment Modalities
During the long-term maintenance of copper deficiency,
additional treatment modalities were-added to TM as deemed
appropriate for the optimal management of the patients. A
patient with previously untreated metastatic breast cancer is
doing well with a good-to-excellent quality of life after 12
months of treatment. She had metastases in the paratracheal,
posterior cervical, and retroperitoneal lymph node chains but
had declined all cytotoxic therapy. The patient had stable dis-
ease for more than 6 months on TM treatment, when, due to a
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slight increase (less than 25% of baseline) in the bidimensional
size of the paratracheal and retroperitoneal nodes, she began
concurrent trastuzumab (Herceptin; Genentech) therapy after
this drug became commercially available. This patient showed a
rapid response to trastuzumab at all sites of disease: after one
cycle, there was a clinical complete response in the neck; and
after three cycles of trastuzumab, there was radiological confir-
mation of complete response at all previous sites of disease. The
patient remains on TM, but the trastuzumab was discontinued
after six doses. She continues to maintain her status as a com-

plete responder on TM alone for more than 6 months after
discontinuation of trastuzumab therapy. Because the complete
response was achieved after the addition of trastuzumab therapy,
this patient is classified as having only stable disease on TM on
Table 2.

Two patients with extensive angiosarcoma of the face and
scalp achieved stable disease on TM. In one patient with severe
chronic bleeding from an ocular lesion that threatened the orbit,
IFN-a2 was added to TM to attempt to enhance tumor response.
Given the suggestion that, based on studies of progressing
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Table 2 Summary of type and length of response to TM therapy

No. of patients Duration in days of

(Total = 18) copper deficiency (average)
Type of response
Did not achieve target Cp 4
Achieved target Cp 14
Target Cp <90 days 8/14
Disease progression 7
Stable disease with partial regression of lung lesions 1 49% -
Target Cp >90 days 6/14. '
Stable disease with partial regression of lung lestons 1/6 : 120¢
Stable disease : 4/6 1597, 329%, 3512, 413° (313%)
"6 120°

Disease progression at one site, stable elsewhere

2 On therapy.
» Patient discontinued therapy.

hemangiomas, the use -of low-dose IFN may be efficacious for
the treatment of hemangioma (41), IFN-e was administered to
‘both of these patients at a dose of 500,000 units s.c. twice a day.
Radiotherapy was also given to these two patients while on TM
to attempt to control- actively bleeding (but not progressing)
lesions. Both patients had disease stabilization for >60 days,
with one of these patients remaining with stable disease for over
5 months before discontinuation. of therapy due to patient
choice. No exacerbation of toxicity was observed by the addi-
tion of any of these treatment modalities to TM.

Discussion

_ This is the first human trial of induction and maintenance
of copper deficiency with TM as an antiangiogenic therapy for
cancer. In a group of patients with advanced cancer, we have
demonstrated that TM is remarkably nontoxic when Cp is low-
ered to 10-20% of baseline levels for up to 17 months of
treatment. The only drug-related toxicity observed was mild
anemia, which was easily reversible with adjustment of the TM
dose to bring the Cp level to the desired target. Despite the
diverse roles that copper plays in essential biological processes
including heme synthesis and superoxide dismutase and cyto-
chrome function, no lasting significant adverse- effects were
observed on reduction of Cp to approximately 20% of baseline
-or to a range between 5 and 15 mg/dl. From our data, we
- surmise that this level of copper reduction constitutes the lower
limit of chemical copper deficiency and the beginning of mild
clinical copper deficiency, the first ‘manifestation of which is
‘mild anemia. Table 3 sumuparizes the stages of copper defi-
ciency in humans and their clinical characteristics. This infor-
mation was derived from studies of patients with Wilson’s
disease, from occasional patients with chemical and clinical
copper deficiency, and from copper-deficient small rodents.
Note that as Cp is reduced below 5 mg/dl, it becomes an
insensitive marker of the degree of copper deficiency. However,
based on observations in humans with normal copper metabo-
lism from this trial, we find that Cp is a sensitive and valid
marker of copper status for levels above 5 mg/dl. This key
finding allows the targeting of the antiangiogenic window of
copper deficiency that appears to be required to slow or arrest

tumor growth.
The Cp response to TM-induced copper deficiency is

monotonic and exhibits little intersubject variability; therefore,
there is essentially no risk of sudden changes or unpredictable
fluctuations that might make dose management difficult. Fol-
lowing Cp levels once every 1-2 weeks is adequate to monitor
copper status early in therapy. As a corollary, overtreatment is
easily detectable and correctable. Using the six times/day dose
regimen borrowed from our Wilson’s disease work and initial
TM doses ranging from 90-120 mg/day, the serum Cp was
reliably lowered to 50% of baseline in 17 of 18 patients and to
20% of baseline in 14 of 18 patients. Reduction to 50% of
baseline was achieved, on average, in 30 days, with further
reduction to Cp levels of 5-10 mg/dl taking 20-30 days. Al-

though this rate of decrease in Cp is reasonable for the initial =

treatment of early malignant lesions or in the adjuvant setting, in
widely metastatic advanced cancer, this rate of decrease will not
be sufficiently rapid to prevent some disease progression during
induction of copper deficiency in a significant number of pa-
tients. Because loading dose varations of 90-120 mg/day do
not appear to affect the rate of Cp reduction, and given the
typical daily intake of copper with food, we conclude that higher
doses in-between meals will likely be required to accelerate the
rate of induction of copper deficiency. A foHoW—up trial is under
way to test this hypothesis. .

As a result of this study, it is apparent that with our present
TM dose regimens, there is considerable lag between the initi-
ation of TM therapy and the reduction of copper levels in tumors
to a likely antiangiogenic level. Further retarding the ability to
reach antiangiogenic levels of copper deficiency is the likeli-
hood that most tumors sequester copper (42—45). Thus, it is
reasonable to hypothesize that additional time may be required
to deplete the tumor microenvironment to an effectively low
level of copper, which is defined as a level low enough to inhibit
angiogenesis. It is difficult to estimate this time accurately from
our study. Thus, patients with very rapidly progressive large
tumors may be relatively poor candidates for this approach to
antiangiogenesis therapy as a single modality.

Another level of complexity is added by the fact that in
bulky disease, initially effective antiangiogenesis may cause
brisk tumor necrosis, as was documented in the mass shown in
Fig. 3. Tumor lysis may result in the release of additional copper
from the dying cells. In the case of the patient whose mass is
shown in Fig. 3, a transient rise in Cp was observed at approx-
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Fig. 3 Evaluation of antiangiogenic response to copper deficiency. CAT scans of the chest of a 59-year-old male with metastatic renal cell carcinoma
shortly after achievement of target Cp (A) and 8 weeks later (B) are shown. Comparable frequeney-shift color Doppler image volumes from the
superficial renal cell carcinoma rib metastasis were evaluated at the same time points (C and D). Three-dimensional rendering of the vascularity is

“shown in green superimposed on three orthogonal image planes extracted from the reconstructed grayscale volume. The back plane shown exemplifies
one of the frequency-shift color Doppler image planes acquired during the patient scan. Vascularity at initiation of TM therapy (C) is markedly greater
than that seen 8 weeks later (D). Quantitatively, color pixel density is 4.4 times greater in the tumor volume scanned at the first time point; the mean
flow velocities are equivalent at both times.

imately the same time as the ultrasound suggested that the large 20% of baseline is a reasonable starting point for evaluation of
tumor mass might be undergoing central necrosis due to a response to anticopper therapy in future trials in patients with
significant decrease in blood flow. For these reasons, we con- measurable disease. In the two patients who exhibited partial

clude that a period of 60-90 days of Cp at the target level of regression of lung lesions, tumor control may have begun ear-
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Table 3 Stages of copper deﬁc1ency and its clinical effects in humans

Cp level®

Type of copper . Absolute Cp level

deficiency - % Baseline Cp (mg/dl) Clipical manifestations
Chemical 10-30 5-15 None®

(target range) (target range) Probable mh:blhon of tumor angiogenesis

Clinical

Mild <10% <5 Mild anemia, Het, ~80% of baseline

Mild peutropenia
Moderate <10% <5 Moderate anemia, leukopenia, possibly symptomatic
Severe <10% ) <5 Severe bone marrow depression, diarthea, cardiac arrhythmias may

occur rarely, peripheral neuropathy”
In children, inhibition of epiphyseal bone growth

4 Normal serum Cp levels are 2035 mg/dl. Cp levels in cancer patients are elevated (20~75 mg/dl).
% Bone marrow effects such as anemia and/or leukopenia may occur if the induction of copper deficiency is very rapid, as with high doses of

TM, at higher levels of Cp than shown here.

¢ In general, signs and symptoms other than bone marrow depressxon require severe copper deficiency to have been present for weeks to months.

Her. It is also interesting to note that in both of these patients, the
Tung parenchymé_l metastases were the sites of tumor regression.
It is possible that mild clinical copper deficiency impairs super-
oxide dismutase function (46) so that under conditions of high
oxidant stress, such as those present in the Iung, the metastatic
foci are more susceptible to oxidative damage.

Despite individual differences, the use of three-dimen-
sional ultrasound to determine the total blood flow to a given
mass demonstrates that maintenance of mild copper reduction to
20% of baseline induced for at least 8 weeks appears sufficient
to alter tumor blood flow. Due to the relative insensitivity of
" CAT to the blood flow or metabolic status of the lesions, parallel

imaging modalities, as demonstrated here for three-dimensional
_ultrasound, will be required to assess functional response in
addition to tumor size.
In light of the data presented above, we advance the pre-
liminary conclusion that the size of solid tumors of a variety of
types may be stabilized or decreased by TM, given sufficient
time in a state of mild clinical copper deficiency represented by
a decrease in Cp to or below 20% of baseline, as defined by this
study. Among the patients maintained at the target Cp level for
. more than 90 days, a significant proportion of cases (five of six)

- were stabilized, with no detriment to their quality of life. How-
ever, in this population of patients with advanced disease, only
39% of those treated were able to be maintained at the target Cp
for this duration.

The pattern and speed of progression observed in these
patients have also provided useful preliminary inférmation, One
patient achieved stable disease at all sites but one and has
chosen to remain on TM therapy due to disease stabilization at
the more life-threatening sites of disease (bowel and paratra-
cheal lymph nodes; the site of progression in this patient with
melanoma is a large adrenal metastasis. This and other obser-
vations in this trial suggest that whereas copper deficiency may
be generally inhibitory of angiogenesis, heterogeneity of tumor
type and the specific location of metastases may modulate the
response to this therapeutic modality. The small number of
patients in this study and the design of this study preclude more
detailed conclusions regarding efficacy at specific metastatic

.rate on copper replétion than while on TM therapy, future trials

may formally incorporate the use of adjunct modalities, either

systemically or loco-regionally, to address the specific sites of -

progression while allowing the patients to remain m a copper-

. deficient state,

We report preliminary observations of combination thera-
pies of TM with radiotherapy, trastuzumab, and IFN-& without
apparent exacerbation of toxicity of the added modality. Taken
as a whole, the safety and preliminary efficacy data derived
from this trial support the conduct of additional studies designed
to test the specific efficacy of TM alone or in combination for
the treatment of early metastatic disease, minimal disease,
and in adjuvant hlgh-nsk clinical settings, including chemo-
prevention.
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Appendix 12
3-D Compaundﬁng of B-Scan Ultrasound images

Jochen F. Kriicker, Charles R. Meyer, Theresa A. Tuthill, Gerald L. LeCarpentier,
J. Brian Fowlkes, Paul L. Carson

University of Michigan, Dept. of Radiology, 200 Zina Pitcher Place Ann Arbor, MI 48109, USA

Summary: Two applications of volume registration in 3-D ultrasound imaging, extended volume imaging
(EVI) and 3-D Spatial compounding, are demonstrated both in phantom and clinical scans. Extended volumes
‘were composed by obtaining partly overlapping scans, registering the overlapping volumes,. and displaying the
complete set of volumes in their relative spatial orientations as determined by the registration procedure. 3-D
compound images were created by scanning volumes from several elevational look directions, registering, and
averaging the different views. In both applications, the volume reglstranon worked accurately and provided
significant image improvements.

INTRODUCTION

Image registration, or coregistration, can be used to combine several sets of images obtained
with different imaging parameters or modalities, from different look directions, or at different
times. In medical imaging, it has mainly been applied to magnetic resonance imaging, X-ray
computed tomography, and tomographic nuclear imaging modalities. Recently it has been shown
that some image registration techniques can also be used to register 3-D ultrasound data sets [1-
3]. In this study, we demonstrate two registration-based examples of image enhancements in 3-D
ultrasound: Extended volume imaging (EVI) and 3-D spatial compounding. With EVI, one of
the major limitations of high-frequency ultrasound scanners, the small field of view, can be
overcome. This application is particularly important in sequential ultrasound exams, e.g. in
screening for breast cancer or following cancer therapy, where large fields of view are needed to
locate areas of change and to make sure that the same area is covered in sequential scans. Spatial
compounding can deliver improved images with reduced speckle noise and increased contrast-to-
noise ratio. It also reduces shadowing, and creates more complete images of connective tissues
and other specular reflectors.

MATERIALS AND METHODS

Since the registration algorithm we used is fully explained in {4] , we will only briefly
describe the relevant features here. The software performs either affine, i.e. linear, geometric
transformations to map one image volume onto another, or non-linear thin-plate spline (TPS)
warpings. When using full affine transformations, the user places 4 initial control points in each
data set. The control points define the approximate mapping transformation from one set
(reference) onto another (homologous). By varying the position of the control points, the
algorithm refines the transformation until the mutual information (MI) of the reference and the




transformed homologous set is maximized. The MI, defined as the difference between the sum of
the individual entropies and the joint entropy of two random variables, thus serves as a cost
function in this optimization problem. For warping transformations, the user defines at least one
more control point and increases the degrees of freedom of the registration transformation with
each additional control point. Note that no pre-processing, like cropping or speckle reduction,
has to be applied to the image sets before registration.

A clinical ultrasound scanner (Logiq 700, GE Medical Systems, Milwaukee, Wis) with an
11MHz 1.5-dimensional linear matrix array probe was used for.all data acquisition. With
electronic elevational (normal to scan plane) focussing, the average axial and elevational
resolution cell diameters were 0.31 mm and 0.72 mm, respectively'. The transducer was attached
to a 2 degree of freedom position encoder that restrained the motion of the probe to linear
elevational scanning and elevational tilting. The position information was used to uniformly
interpolate and shear the raw B-scan image sets before volume registration. All phantom scans
were obtained in a focal lesion phantom (CIRS; Computerized Imaging Reference Systems,
Norfolk, Va). All clinical scans were obtained in the female breast.

To create extended volume images, the area of interest was imaged in 3 or 4 approximately
parallel, partly overlapping scans (Fig. 1). If 3 scans were used, the central scan (B) served as a
reference relative to which the outer scans (A, C) were registered by maximization of the mutual
information in the overlaps, AB and BC. In cases where 4 scans were combined (A, B, C, and
D), D was first registered relative to C. The combined volume (C&D) and volume A were then
registered relative to the global reference B using the overlaps BC and AB.

EVIs were obtained both in phantom scans and clinical breast scans. In phantom scans, the
registration accuracy in the extended lateral direction was evaluated by comparing the true
position of 50 spheres (3mm diameter) in the phantom to the position found in the extended
view. In clinical scans, the registered volumes were visually assessed and the position of
common landmarks marked in each set. The average registration error was defined as the mean
distance between point pairs defining common landmarks.
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Figure 1: Extended Volume Imagmg. Volumes A and C  Figure 2: Spatial compounding of volumes obtained at
are registered relative to reference volume B. different elevational tilt angles

! A phantom was scanned axially and elevationally in an area that produced fully developed speckle. The resolution
cell diameters were defined as the standard deviation of the Gaussian fit to the frame-to-frame correlation functions.




For compound imaging, partly uncorrelated views were obtained by changing the tilt angle of
the transducer before re-scanning the area of interest (Fig. 2). The interpolated and sheared
image sets were registered using either full affine or warping transformations. The registered
data sets were then log-decompressed, averaged, and recompressed to the same dynamic range as

 the original images (69 dB).

The registration accuracy in phantom scans was determined using a semiautomatic edge
detection algorithm. Given the approximate center of a spherical hypoechoic area, the algorithm
finds the exact center and the two radii on which the average signal increased 10% and 90%,
respectively, of the difference between the maximum signal level outside the circle and the
minimum inside. The difference between the radii will be referred to as the boundary width of
the spheres. The accuracy in clinical compound scans was estimated by the same visual method
used for clinical EVI.

RESULTS AND DISCUSSION

Figure 3 displays an example of an axial-lateral cross section through an EVI created from 4
partly (30%, 35%, and 58%) overlapping phantom scans registered with full affine
transformations. No averaging or other processing was applied in the areas of overlap. The white
arrows indicate the display boundaries between the registered original scans. Note the continuous
appearance of specular reflectors across the boundaries and the spherical symmetry of voids
placed on boundaries. The total width of the cross section is 10.6 cm. The average lateral
deviation of the spheres in the extended volume from their true position is +0.47%.

EVI in clinical scans produced similar alignment quality as long as the breast was stabilized
during the scans to keep local tissue deformation at a minimum [5]. The average distance of
common landmarks identified in the registered overlaps ranged from 0.8 mm to 1.4 mm (peak:
1.5 to 3.1 mm).

Correlation calculations in phantom scans showed that the change in tilt angle needed to
create uncorrelated images is 4 to 6 degrees. In compounding phantom scans obtained at
differential scan angles of 4 degrees, the signal-to-speckle noise ratio (SNR) increased 10% to
20% less than the theoretical VN dependence for N compounded, uncorrelated images. The
average misregistration in phantom scans using full affine transformations was 0.21+0.02 mm
and did not vary significantly with tilt angle. As a result of misregistrations, the average
boundary width of the spheres in a phantom image compounded from 5 scans increased 20%
compared to the uncompounded image. In the same compound image, the SNR increased 95%.

Figure 3: Axial- lateral Cross sectlon f an extended volume created from 4 partly overlappm phantom scans.




Figure 4 shows an example of an uncompounded clinical image in breast (a), and the same
image compounded from 5 scans at 0°, 6.4°, 12.8°, -5.1°, and —10.2°, using 11 control point
warping transformations (b). Statistical analysis showed an almost ideal YN increase in SNR
and CNR (contrast-to-noise ratio) for N compounded images. Note the overall reduction in
granularity and the better delineation of connective tissues (arrows).

The same data sets were also registered using full affine transformations. Comparing the
warped data sets to the linearly transformed sets we found an increase in average estimated
misregistration from 0.42+0.10 mm to 0.75+0.12 mm, suggesting that warping can correct for
local tissue deformation that is unaccounted for by global linear transformations.

We conclude that image registration is a promising tool in 3-D ultrasound, allowing
applications such as accurate extended volume imaging and 3-D compounding. Using image-
based registration with non-linear mapping transformations prior to compounding offers the
unique potential to correct for tissue motion and refraction artifacts, effects that can greatly
distort image quality in other compounding approaches.

Figure 4:() Uncompounded image fro reference (b) Same image compounded from 5 scans at 0°, 6.4°,
scan. 12.8°,-5.1°, and -10.2°.
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ABSTRACT: The correlation function of the echo signal intensities at
a fixed region on a series of B-mode images is directly related to the
change of speckle patterns between these images. An indication is
given here of how the rate of the change of that correlation function
can be used to estimate the scan-plane motion in any direction rela-
tive to the imaged tissue or other material. In this first implementation
it is assumed that the statistical properties of the echo signals follow
those of a complex circular Gaussian, and the case is considered of
diffusely scattering tissue with many fine particles per resolution cell
and with no phase distortion. The method is applied to data from a
one-dimensional linear array and initial results are presented for scan-
ning a tissue-mimicking phantom in the elevational direction of the
transducer. Experimental resuits are in good agreement with the pre-
dictions. The current method should provide a good indication of the
local rate of scan-head motion in those tissues in which the normal-
ized correlation function of the echo signal intensities behaves, or can
be made to behave, as it would for a medium with uniform acoustic
properties and containing many, randomly distributed, pointlike scat-
terers, although application might be made to other situations where
a deterministic condition exists for the correlation between images
taken at differing locations within a volume. @ 1997 John Wiley & Sons,
Inc. Int J Imaging Syst Technol, 8, 38-44, 1997

Key words: ultrasound; 3D; motion estimation; speckie; decorrelation

. INTRODUCTION

The purpose of this article was to study scan-plane motions
through tissue and the estimation of their relative positions by
analysis of the correlation of speckle patterns in ultrasonic im-
ages. Conventionally, second-order statistics have been used to
study the correlation of speckle patterns at different locations
within ultrasonic images for tracking the relative motion of blood
or other moving tissue {1]. Speckle correlation has also been
studied for the purpose of speckle reduction for improving lesion
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detectability via spatial and frequency compounding [2—5]. These
speckle reduction methods involve the averaging of images in
which the speckle pattern has been changed. Recently, assessment
of blood flow and, potentially, perfusion has been investigated
by use of decorrelation of the Doppler signal with time at one
location in the image [6]. In this article we use the speckle correla-
tion between corresponding points in a series of scan planes
for an alternative purpose: to determine the relative scan-plane
positions, orientations, and motions. This may be important for
the three-dimensional registration of ultrasonic images, or the
detection and correction for tissue motion.

The speckle pattern on conventional B-mode images is caused
by the phase-sensitive detection of the scattering from random
inhomogeneities in the acoustic properties of biological tissue in
the resolution cell of the transducer. When the scan plane is
moved slowly, the intensities of time domain echo signals at one
distance along one echo line changes, producing a change in the
speckle pattern observed at that location on the B-mode images.
We analyze the second-order statistical properties of the echo
signal intensity from a given depth as a function of time or
image frame number, instead of tracking the speckle patterns in
subsequent images as a function of position within the images.
The second-order statistics are defined as the expectation of the
product using pairs of values (intensities) measured at two posi-
tions in space, number of frames or times.

In this article, it is assumed that the statistical properties of
echo signals follow those of a complex Gaussian. The case con-
sidered is of diffusely scattering tissue with many fine particles
per resolution cell [2] and with no phase distortion [7]. A method
is proposed in which the correlation function of echo signal inten-
sities are used to determine the relative positions of scan planes
for motions in the elevational direction. That is the direction,
normal to the scan plane, in which the same tissue volume cannot
be tracked in the image. The method is applied to data from a
modern 1D array imaging system and initial results are presented
for 3D scanning of a tissue-mimicking phantom.

Il. THEORY
A. The Correlation of Speckle Patterns in 3D B-Mode Im-
ages. The speckle pattern in B-mode images is directly related

CcCC 0899—9457/97/010638-07




to spatial variation of the echo signal intensities or their magni-
tudes. The correlation function of the intensities for a purely
random (diffusely scattering) case can be estimated from the
correlation function of the complex echo signals. The correlation
of the echo signal intensities between two specific positions sepa-
rated by Ar, e.g., r and r + Ar, is defined as

R(Ar) = (I(MI(r + Ar)) ¢))

where I(r) = |U(r)|? and I(r + Ar) = {U(r + Ar){? are the
intensities of the echo signals at two specific points, r and r +
Ar. U(r) and U(r + Ar) are the complex echo signals. (- )
stands for the expectation of a random variable. The Appendix
provides a general derivation for the results which is not depen-
dent on the use of intensity data.

Using the moment theorem for the jointly zero mean, Gaussian
random variables, and assuming that the real and imaginary parts
of the complex echo signal U(r), U.(r) and U(r), are uncorrelated,

e.g.,
U@ULr + Ar) = (Ur + AULE) = 0,
we have [8]

R(AT) = AUVAONUAr + Ar) + KU, UL + Ar))?
+ AVAONUAE + Ar).

Using the symmetry of the correlation function of the complex
echo signals U(r),

UMmU*(r + Ar))

Ar) = 2
p(Ar) o 2
Finally, we have
R(Ar) = {I*(1 + llp(ADP) (3
or
T(AT) = oA = REIA;) -1 (3"

where (/) is the average echo signal intensity over the region of
interest. Here ||o(Ar)| is called the normalized correlation of the
echo signal intensities and is denoted by I'(Ar), which has the
properties of I'(0) = 1.0 and I'(«) = 0.

Equations (3) and (3') show that there is a simple relationship
between the correlation function of the complex echo signals and
the correlation funct_ion of the signal intensities, which is directly
related to the speckle in B-mode images.

B. Application to Clinical Scanners. The instruments for 3D
ultrasonic imaging currently are linear curved, linear, or other
array scanners; here, a 1D linear array will be considered. To
further simplify our analysis, we confine our measurements to
the focal zone or Fraunhofer region of the array transducer.
Applying the Huygens—Fresnel principle, the radiating surface
of the transducer is considered as a collection of point sources

L]
(x,y,2)

Linear array
transducer

Ultrasound field

Figure 1. A transducer geometry for describing ultrasound beam
patterns for a 1D linear array.

that oscillate sinusoidally. If the sources lie entirely within a
simple plane (x’, y') as shown in Figure 1, the radiating surface
is defined by an aperture distribution function [9]

T {[’e“%') . cOmb@ﬂ
o [ee2) a2 0

where (x', ¥') is a point on the transducer surface, w is the width
of array elements, d is the center-to-center distance between array
elements, D is the lateral dimension of the radiating aperture,
is the height of array elements in the elevation direction, and
functions

ax',y') =

comb(x) = Y 8(x — i)

i=—co
and

1
x| >3

0
rect(x) = {

1 x| _<_%.

When the scan aperture is used to insonify and receive echoes
from a medium containing randomly distributed fine particles,
the complex echo signal is given by [9]

2ikz

U ~ C —e—z— Kz, ) ®)

where k = 27/\, is the ultrasound wave number, \, is ultrasound
wavelength at its central frequency, z is a distance along the beam
axis from the surface of the transducer to the field point, and
hy(x, y) is called the directivity function. h(x, y) is specified
entirely in the (x, y) plane (within the region of the interest)
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Figure 2. The normalized autocorrelation function of echo signal
intensity based on a region of interest in the focal region or in the far-
field region. The sofid line is the calculation based on Equation (7),
while the dash line is the result of a Gaussian fitting curve as shown
in Equation (7).

when the assumption of local plane wave exists. For a 1D array
transducer, the directivity function is given by [9]

oo ,
h(x, y) =~ [ Y sinc(%)sinc(% - %—)]sinc(%) .

)

Consider the motion of scan plane in the direction perpendicu-
lar to the scan plane (called the elevation direction). In that case,
the normalized correlation function of the echo signal intensities
[Eq. (3")] will depend just on the properties of the transducer in
that direction and is given by

T(Ay) = (sinc?y, ® sinc®y,)* @

Ay; = i X §y is a displacement in the elevational direction, i is
the number of steps, and &y is the slice separation (called the step
size). y, = (hAy)/(\z). Equation (7) shows that the correlation
function, I'(Ay;), depends on the parameter y, and echo signals
will be completely decorrelated when y, = 2. As shown in Figure
2, the function given by Equation (7) can be well approximated
for our purposes by a Gaussian function

F(Ay,) . e-Zao(Ay‘_)l (71)

where a, =~ 2.721%/(\,2).
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ill. EXPERIMENTAL PROCEDURES AND RESULTS

Experiments were performed to test the proposed method of de-
termining the relative positions of scan planes by using the
speckle decorrelation in B-mode images. In this initial demonstra-
tion the motion estimation was restricted to the elevational direc-
tion for both simplicity and because this motion constitutes a
significant component of the motion which could be used to
acquire 3D data sets in clinical practice (a linear translation).
However, as will be discussed later, there are a variety of imple-
mentations for estimating other motions as well. An ATL Ultra
Mark 9 HDI (Advanced Technology Laboratories, Bothell, WA)
scanner was employed with their 38-mm-long, 3.5-MHz linear
array transducer. The linear array was translated in the elevational
direction over a tissue-mimicking phantom (RMI Model 415,
Middleton, WI) containing many randomly distributed, point-like
particles in a 0.5-dB cm™" MHz ™}, 1540 m/s gel. The translation
was performed using a system previously developed for mechani-
cally scanning the breast [10]. At each position, a single image
was stored using a TARGA frame grabber (Truevision, Indianap-
olis, IN). A region of interest for future analysis was defined
axially as 35 mm = z = 45 mm and laterally as 12.5 mm =
x = 22.5 mm for the 35-mm-wide images. To determine the
correlation function accurately, a uniform step size of §y = 0.20
mm was used, approximately one sixth of the 6-dB elevational
focal beam width of the array at the depth of 35 mm = z =< 45
mm. To estimate the absolute motion in the elevational direction,
the reference full width at half maximum (FWHM) of the correla-
tion function and the coefficient in its Gaussian fitting curve were
measured over the 35—45-mm depth range using known distance
steps and the background scatterers from the same tissue-mimick-
ing phantom described above.

Postprocessing of images was implemented in a modular code
under AVS software (Advanced Visual Systems, Inc., Waltham,
MA) and run on a Sun Sparc II (Sun Corp., Mountain View,
CA). The frame grabbed images from the ultrasound scanner
were read into the workstation memory and the red, green, and
blue (RGB) images were thien processed to select one channel
for B-mode. A single 2D plane was displayed to select the region
of interest (ROI) (described above) to be processed for determin-
ing the slice separation. The normalized correlation function of
the echo signal intensities among image ROIs was determined

by

(m X n) 3, Ty Lo + Aye) _

1S, S5, L)) Lo®

T(&y) ~

here, the average is over the m X n pixels of the region of interest,
and e, is a unit vector in the elevational direction.

The processing of ROIs based on Equation (8) was as follows.
The m X n pixels contained in the ROI of each image were
simply placed in a 1D vector containing j and k indexed pixels
in Equation (8) and the process repeated for each image to create
i 1D vectors. Each pixel value was converted to a linear scale by
I(r) ~ 10", where P(r) is the raw B-mode pixel value in
decibels and the constant P, is used to convert from a 0—255 log
scale for intensity to a linear scale. Each of these vectors were
then combined in a 2D vector for convenient comparison of each
ROI as simply an increment in the i dimension. A group of image
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Figure 3. A typical experimental result of the normalized correlation
function for the echo signal intensities (shown in a solid line) and its
Gaussian fitting curve (shown in a dash line) when a transducer is
slowly moved in the elevational direction. The step size is 0.2 mm.

ROIs was then analyzed to compute the correlation between suc-
cessive ROIs, ie., ROI 1 (i = 1) correlation to ROI 2 (i = 2),
ROI 2 to ROI 3, etc. for a series of one-step correlation function
values. Then the process was repeated for all possible two, three,
* +n step correlation function values obtainable from the i im-
ages. A correlation curve was created for any step sequence by
plotting the zero-step through nine-step correlations. For this test,
ROIs from groups of 10 images can be used to determine the
slice separation for the center two slices of the 10, e.g., to position
image 6 with respect to 5 use information from images 0-9; for
image 7 after 6 use image 1-10, etc. This assumes a piecewise
smooth motion for the scan head over an approximately 2 mm
separation distance but this is a reasonable, first approach to the
position estimate. In each case, the correlation function curve
was fit to a Gaussian function using a least squares approach as
shown in Equation (7’). The coefficients of these Gaussian func-
tions are then used to position the images on an arbitrary grid
space and correctly positioned images can then be displayed.
For a mechanical scanning with a uniform known 0.2-mm
image slice separation (step size), a typical measurement result
of the correlation function of the echo signal intensities as well
as its Gaussian fitting curve are shown in Figure 3. Based on the
coefficient in this Gaussian fitting curve and the point spread
function in the elevational direction, the value of the step size
can be estimated at that specific depth. Similarly, a group of the
correlation functions are given in Figure 4 with the first curve
calculated from the 10 slices starting at slice 1, second curve
starting with slice 2, and so on. The step sizes were estimated
based on the coefficients of the Gaussian fitting curves; the results
are shown in Figure 5. The estimated step size is (0.20 + 0.01)
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Figure 4. When the scan plane is automatically scanned through a
tissue mimicking phantom in the elevational direction with uniform
step sizes, the normalized correlation function of echo signal intensi-
ties as a function of different number of 0.2-mm steps over a travel
distance of 2.0 cm.

mm over more than 20 mm travel distance of the scan head. The
measurement error is approximately 5%. This error could be
caused by the statistical uncertainty of the correlation function
estimates, the accuracy of the stepper motor (which is approxi-
mately +5 pm, or +2.5% based on a 200-um step size) and
friction in the contact between the surface of the test phantom
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Figure 5. For a mechanical scanning with the uniform known 0.2-
mm step sizes (image slice separations), the step sizes estimated by
using a series of Gaussian fitting clrves to the measured correlation
functions as a function of the step number is given by the solid line.
The measurement result of the step size is § = (0.20 = 0.01) mm.
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and the transducer, which might cause nonuniform scan-plane
motion.

IV. DISCUSSION AND CONCLUSIONS

As shown in this article, the results of measuring the decorrelation
rate between a series of successive images can indicate the dis-
tance traveled in the simplest cases of pure elevational motion
of the scan plane through an ideal medium. However, this case
has not been addressed previously in medical imaging. There are
numerous ways in which these concepts could be expanded to
use correlation and decorrelation information to monitor scan-
plane motion. Many of these can be thought of simply by re-
versing the concepts used to measure tissue motion, although in
current medical imaging cases, fluid and tissue tracking is done
within the image plane where each tissue volume remains in the
image plane for an extended number of frames. The following
are a few example extensions and implementations for monitoring
scanner motion using this decorrelation technique alone or in
combination with other methods of motion detection.

A. Scan-Head Motion Estimation in Less-than-ldeal Tis-~
sues and Other Media. The current theory for the decorrela-
tion of speckle addresses only the case where tissue can be mod-
eled as a medium with acoustically uniform properties and con-
taining many randomly distributed, pointlike scatterers. It may
be possible to process the ultrasound data to minimize effects of
specular and other scatterers violating the assumptions and to
extrapolate detected motion over tissue segments where the de-
correlation is anomalous. The best applications will be those in
which random cumulative errors in scan position over long dis-
tances are not critical or can be corrected. In addition, one may
not be restricted to motion estimate based on Gaussian statistics.
Other statistical models for tissue may be used and even “‘train-
ing’” sets of data for a particular application may prove more
accurate for motion estimates.

B. Monitoring Tilt and Rotation of the Transducer. Mea-
suring different motions at different locations within images
should indicate transducer motion which is not uniform in the
elevational direction. For example, tilting the transducer slightly
can be detected by examining the decorrelation rate at different
depths in the image using the depth-dependent point spread func-
tion. The difference in rate as a function of depth would indicate
tilting of the scan head. In addition, transducer rotation might be
tracked. For example, several different ROIs on either side of the
central axis of the image could be monitored such that differences
among these regions provide relative motion information. An
important consideration here will be the required size of the ROI
selected for the motion. A given ROI must be sufficiently large
for a statistical measure of the motion, while the ROI must be
small enough that the motion within the ROI can be considered
as a single value. This is an area presently being examined.

C. On-the-Fly Processing of Position Information. By re-
stricting the number of scan line locations transmitted and moni-
tored for motion, it should be possible to measure motion rapidly
enough to allow real-time scanning. The needed high-speed puls-
ing might come from power-mode color windows with multiple
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beamformers. It also should be possible to set motion criteria
which will indicate when full images should be taken to provide
an automated way of reducing the number of frames acquired in
a 3D data set while assuring adequate sampling.

D. Correction for Tissue Motion Such as Respiratory Mo-
tion. This speckle decorrelation technique could also allow for
the correction of respiratory motion when 3D data set are recon-
structed. Elevational as well as in-plane corrections could be
applied to keep an ROI stationary in the image. For nonuniform
motion and deformation of the tissues, the size of the ROIs might
be adaptive to maximize the precision of the correlation estimates,
while providing adequate resolution numerous smaller ROIs
might be used in conjunction with some spatial smoothing or
warping software [11].

E. Use of Technique with Available Coarse Position-
ing. The currently described technique could also be used for
fine positioning in conjunction with other positioning systems.
The latter could monitor the long-range motion of the scan head,
but might lack the fine spatial resolution required for the best 3D
reconstructions. Such encoding devices include optical, mechani-
cal, magnetic, and electric spark systems, all of which have been
used in the past for 3D ultrasound imaging.

F. Combination of 2D Speckle Tracking and Decorrela-
tion. One possible implementation would incorporate 2D
speckle tracking [1] to monitor motion in the scan plane between
adjacent slices and then measure the decorrelation result. The
idea is that the 2D speckle tracking would identify the correct
vertical and horizontal translation required for placing the adja-
cent slice with respect to the first. The decorrelation which then
remained between the slices would be the result of the translation
in the elevational direction and would be an improved estimate
over assuming no vertical or horizontal motion. Therefore, one
would create a 3D directional vector for the motion at a particular
location in the image.

G. Speed or Flexibility of Decorrelation Rate Determina-
tion. Use a threshold, rather than a Gaussian fitting function, to
increase speed of decorrelation measurement. Alternatively, to
maintain noise smoothing with more flexibility, use an adaptive
fitting function, rather than a fixed Gaussian. With an adaptive
fitting, it may be possible, for example, to correct for periodic
motion, such as cardiovascular tissue motion.

In summary, a method is described for determining the scan-
plane relative positions in the elevational direction using the de-
correlation of speckle signal intensities in B-mode images, which

. are not due to motion within the scan plane. The method was

tested using finely spaced scans in a tissue-mimicking phantom
containing randomly distributed, fine, solid particles. The experi-
mental results are in rather good agreement with the known step
size, i.e. only 5% rms deviation. Useful implementation will de-
pend on development and testing for more general and challeng-
ing conditions, including considerations of various artifacts in
speckle tracking such as cumulative error and misinterpreted mo-
tion [12]. Experiments are currently being conducted in actual
tissue to determine the efficacy of the technique and potential
sources of error.




APPENDIX

We consider a complex random process, e.g., the complex echo
signal, including both amplitude and phase information. We are
interested in the correlation function of the complex echo signals
between two subsequent scan plane positions. The complex echo
signals are given by [8]

U(r) = UJr) + iU{r)
and
Ulr + Ar) = U,(r + Ar) + iUf(r + Ar)

where r and r + Ar are the positions within an ROI related to
the transducer scan head. The completely random signals are
taken to have zero mean and to have the same variances of the
real and imaginary parts. Then the autocorrelation function of
the resulting signal is given by

p(Ar) = (UmU*(x + Ar)) (AD)

where * refers to the complex conjugation, and displacement
between points in the two scan planes is given by Ar. If this
field is simply read out or scanned by an imaging system with a
point spread function (psf) A(r), the resulting complex signal U(r)
is related to the original field a(r) by

U(r) = h(r) ® ofr) (A2

where ) is a convolution operation and «(r) depends on the
properties of the medium. The correlation function of the re-
sulting processing, p(Ar) is then directly given by [7]

P(Ar) = h(=Ar) ® pa(Ar) & h*(Ar) (A3)

where p (Ar) = {(a(r)a*(r + Ar)). Equation (A3) shows that
the correlation function depends on the displacement of the beam
related to scatterers in the ROL

A typical example is the acoustic scattering from a random
collection of N scatterers in and extending well beyond a resolu-
tion cell or volume. These N scatterers can be divided into L sets,
each set containing N, scatterers (2, N, = N), and all having
the same displacement, Ar, from the previous set. In that case,
we have )

N
a(r) = 3, |a;|e (Ad)
and

alr + Ar) = Y, |a;|e

J=1

(A5)

where a; is the magnitude of the scattering amplitude of the ith
scatterer and there is correlation neither among the scatter phase
¢; in the first scattering volume nor among those in the second
scattering volume nor between the scattering volumes. Then the
correlation function of a(r) is

' N N ,
(@Der(r + AD) = 3, 3. (|afla)| ¢7%)

i=1 j=1

L
= X {Nlal*(Ar)}, (A6)
=1 .

since all phases average out unless they match up identically.
Here, 6(Ar) is the Dirac delta function.

Finally, the correlation function of the readout or scanned
process is simplified to

L
p(Ar) = 3 p(Ar) (A7)

=1

where p,(Ar)) is given by
pAr) = Nja|*{h(—Ar) @ h*(Ar)}. (A8)

In the far field or the focal zone of the transducer, the psf can
be approximately separated into the transverse component due to
the diffraction limited beam, and the axial component due to the
ultrasonic pulse,

h(AT) = h(rph(r,) (A9)

where h(r,) and r, are the transverse components of the psf and
the displacement of the scatterers, and A,(r,) and r, are the axial
components of the psf and the displacement of scatterers. As a
simple example, when all scatterers are in motion (relative to the
scan head) in the lateral direction, the correlation function of the
complex echo signal will just depend on the transducer beam
properties. When the scatterers are in motion in the axial direc-
tion, that function will depend on the ultrasonic pulses.
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Automated Three-dimensional
US Frame Positioning |
Computed from Elevational
Speckle Decorrelation’

In three-dimensional ultrasonography
(US), the position accuracy of each B-scan
frame is essential for accurate volume
reconstruction. Even for qualitative recon-
struction without position measurement,
the image spacing must be adequately
fine and uniform to avoid streak artifacts.
Current position measurement tech-
niques require use of a supplementary
mechanical device to record the location
of the transducer head during scanning.
We propose an alternative scheme that
makes use of the residual correlation be-
tween frames to estimate the separation
distance. Since the observed speckle pat-
terns are wholly determined by the physi-
cal properties of the transducer-given scat-
tering dominated by a large number of
random scatterers in the insonified vol-
ume, the frame separation can be com-
puted from the degree of speckle decorre-
lation as calibrated for a specific trans-
ducer.

In recent years, reconstruction of three-
dimensional US scans for potential clini-
cal use has demonstrated moderate suc-

cess in areas such as breast cancer
diagnosis (1), angiography (2), fetal
anomalies (3), and prosthesis modeling
(4). Traditionally, for accurate three-
dimensional rendering (5), the trans-
ducer orientation had to be determined
with use of an articulated arm, microcon-
trolled motor-driven translator, or electro-
magnetic positioner or by means of opti-
cal imaging. By computing frame spacing
directly from the image series, the hard-
ware necessary for the scanning process is
greatly reduced. The ultimate result of
techniques that examine image correla-
tion would, then, be imnage-based registra-
tion of B scans obtained with a freely
moving, handheld transducer.

In previous work, Chen et al (6,7) intro-
duced the concept of monitoring of scan-
ning plane motion by means of changes
in speckle correlation in the elevational
direction. Their decorrelation curves were
computed from a small set of training
images and were valid only within the
focal zone. In this study, the transducer
was calibrated to determine a depth-
dependent beam correlation width to al-
low analysis over a larger scanning re-
gion. An automated adaptive speckle
detector was also employed to ensure
only true speckle areas were included in
the estimate. The current technology (8,9)
could then provide three-dimensional re-
construction with use of real-time imag-
ing and freehand scanning.

1 Materials and Methods

The rate of speckle decorrelation can be
derived by means of statistical analysis of
speckle formation. A more detailed deriva-
tion is given in the Appendix, but the
main points and assumptions are pre-
sented here. For fully developed speckle,
the intensity image should have an expo-
nential distribution and a constant ratio
of mean to standard deviation of 1.0. The
amount of speckle change from frame to
frame is directly related to the second-
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order statistics as determined by the frame
separation. Note that in this analysis, the
normalized autocovariance is referred to
as the correlation function.

The algorithm derivation shows that
the intensity correlation function is di-
rectly related to the amplitude correla-
tion function, which in turn is propor-
tional to the point-spread-function
autocorrelation. Assuming a focused
transducer, the beam pattern can then be
approximated by means of a Gaussian
curve that has a depth-dependent width
as the beam goes in and out of the focal
region. Consequently, the intensity auto-
correlation can also be written as a Gauss-
ian function with respect to the frame
spacing and will have a SD of ¢,(z), the
depth-dependent beam correlation width.
This correlation width in the focus can be
calculated on the basis of the transducer’s
physical properties, or the correlation
width for a longer range can be calibrated
by using a speckle phantom. The final
result is that by means of Gaussian curve
fitting of the correlation function for
speckle regions in a set of B-scan frames,
the average frame spacing for that set can
be back calculated.

In this study, a commercially available
US scanner (LOGIQ 700; GE Medical Sys-
tems, Milwaukee, Wis) was used, with a
13-MHz, 1.5-dimensional matrix linear ar-
ray probe. The tranisducer had a 6-dB lateral
beam width of 1.9 mm and an elevational
beam width of 2.0 mm at the focus. B-scan
images were obtained with both uniformly
and nonuniformly spaced elevational

sweeps. The scans were digitized to 8 bits
and stored as 379 X 380-pixel images, corre-
sponding to 4-cm? regions. The recorded
gray-scale images were then log decom-
pressed to obtain an intensity image series.

Since the decorrelation algorithm holds
true for only speckle regions, a speckle
“detector” based on first-order statistics
was developed. The ratio of mean inten-
sity to SD was computed for a region with
a moving three-dimensional volume
(21 x 21 pixels X 10 frames). A binary
mask was formed that displayed regions
in which the ratio of mean intensity to
SD was between 0.9 and 1.1, and the
two-dimensional mask was assigned to
the center frame. Pixels in only the mask
region were then used to form the aver-
age covariance function.

The depth-dependent beam correla-
tion width of the transducer was deter-
mined by using a focal lesion phantom
(CIRS; Computerized Imaging Reference
Systems, Norfolk, Va). The phantom,
which has a densely packed, random
distribution of fine particles, provided
the minimum number of scatterers in the
resolution cell necessary to create fully
developed speckle. The transducer was
affixed to a linear micropositioner, and
120 B-scan images were obtained in an
elevational sweep, with a uniform step
size of 50.8 ym. With a moving volume of
10 frames, a mask was determined for the
central portion of the scans, a region of
300 x 100 pixels. The average autocovari-
ance was computed for each row in the
mask, normalized, and then Gaussian

(=1
~
».

[
=

o = Beam Correlation Width

Normalized Correlation
(=]
(4]

curve fitted. The estimated Gaussian stan-
dard deviation at each depth was scaled
by the step size to determine the depth-
dependent beam correlation width, or
o4(z). The depth dependency was then
approximated with a polynomial, result-
ing in a beam correlation width for the
given transducer and scanning settings.
The calibration was first verified on
other B-scan series in regions of appar-
ently pure speckle in the phantom, with
use of uniform frame spacing from 25.4

to 279.4 um. The same pixel region,

range of ratio of mean intensity to SD,

Figure 1. Representative B-scan breast image
demonstrates the variety of complex structures
present when the position of the scanning
head is calculated. Accurate three-dimensional
spatial registration would be necessary to deter-
mine the size of the fibroadenoma (arrows) in
any selected plane.
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Figure 2. Normalized averaged autocovariance function in the

elevational direction for a series of uniformly spaced B scans obtained
in a tissue-mimicking phantom. The average was computed over a 30 X
10-mm (300 X 100-pixel) area, and the frame separation was 25.4 am.
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Figure 3. Beam correlation width based on regional covariance
curves plotted as a function of depth, for a 13-MHz linear array
transducer focused at 1.5 cm.
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and number of frames per volume were
chosen as were used for the calibration.

The speckle-selection and frame-spacing

computations were then verified on uni-
formly spaced scans obtained in a portion
of the phantom that contained regions
with 3-mm-diameter “voids,” spherical
regions of weak scatterers.

The algorithm was also tested on a scan
series with nonuniform spacing obtained
with a freehand scan system (10,11) that
allows the user to slide a transducer along
a framework at a variable rate. The trans-
ducer is affixed perpendicular to the scan-
ning direction to prevent any lateral,
range, or rotational movement. Position
information to within +10 pm is stored
by means of an encoder connected to a
computer. Depending on the frame rate,
the transducer must be moved slowly
enough to ensure that consecutive frames
are not completely decorrelated.

Freehand scans were first obtained in the
phantom at “pure” speckle regions and re-
gions containing 3-mm-diameter voids. Fi-
nally, clinical images were obtained in a
study approved by our institutional review
board, with signed informed consent from

the subjects. A series of breast scans were -

obtained in vivo by using the position-
encoder apparatus. Figure 1 shows a repre-
sentative B-scan image obtained with the
same settings used for the phantom scans.
The frame spacings of these freehand scans
were computed by using the calibration
data and compared with the spacing given
by using the position encoder.

1 Results

The initial phantom scans were ob-
tained with uniform spacing measured
with the micropositioner. Figure 2 shows
the average frame-to-frame decorrelation
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Figure 4. Estimated spacing for a series of uniformly spaced scans, computed over 10 frames, with
(a) 300 X 100-and (b) 300 x 10-pixel regions. Error bars indicate *1 SD of average estimation.

-

in a pure speckle region, with 25.4-um
spacing, and the Gaussian fit.

For the calibration, a 300 X 100-pixel
region (corresponding to 3 X 1-cm? area)
was chosen. The resultant depth-depen-
dent beam correlation width of the trans-
ducer is shown in Figure 3. Even in re-
gions of apparently “pure” speckle, the
distribution of the ratio of mean intensity
to SD around its average value of 1.0
broadens as a result of statistical fluctua-
tions when the area in which it is calcu-
lated decreases. With a range of ratio of
mean intensity to SD of 0.9-1.1 and a
window size of 21 X 21 pixels, the area
marked as speckle with the speckle selec-
tor was roughly 40% of the total region.
This low acceptance rate is a trade-off
between the high spatial resolution of the
mask and the rigorous rejection of non-
speckle regions.

To test the scaling of the calibration set
to other frame spacings and to find the
maximum image spacing to which accu-
rate separation calculations are possible,
the algorithm was applied to subsets of a
scan with 25.4-um frame spacing. A sub-
sample of the frames was obtained to
create sets with spacings from 25.4 to
279.4 um. The result, based on a 300 X
100-pixel region (Fig 4a), shows excellent
agreement between calculated and nomi-
nal spacings, with less than 3% error up
to 125 um. For larger spacings that ap-
proach the correlation half width of the
beam, the error increased steadily to
~4.9% at 225 pm and —6.1% at 279.4
pm. For smaller regions, the SD of the
estimated spacing increased due to the
reduced number of pixels. Above 200 um,
the speckle images are fully decorrelated

after only two to three frames, which

a.

Figure 5.

(a) B scan was obtained in a tissue-mimicking phantom that contained 3-mm-diameter voids. (b) Corresponding binary speckle-detector

mask was determined on the basis of the ratio of mean intensity to SD for a moving volume (21 x 21 pixels X 10 frames). The white regions denote
areas where the ratio of mean intensity to SD decreased to between 0.8 and 1.2.
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increases the error considerably in the
Gaussian fit. However, the average spac-
ing was reproduced well up to 225 pm for
a 300 X 10-pixel region in the center of
the focal zone (Fig 4b). The improvement
in the mean estimate of the section spac-
ing results from the exclusion of pixels
outside the elevational focal zone, which
in this case was only approximately 30
pixels deep. The theory (Appendix) as-
sumes the pixels are being taken from the
focal zones so some systematic error might
be anticipated if pixels from outside this
region are included. This argues strongly
for the use of multiple elevational elec-
tronic focusing.

The efficacy of the speckle detector was
demonstrated in regions of the phantom
that contain speckle and voids (Fig Sa).
The boundaries between the small, weakly
scattering voids and the background con-
stitute structure that cannot be used for
the section spacing computation. With
use of a range for ratio of mean intensity
to SD of 0.8-1.2, the selector successfully
masked out the voids, leaving the “pure”
speckle regions for calculation (Fig 5b).

For the freehand scanning experiments,
the frame rate was set to the video rate of
30 Hz. Assuming the largest discernible

frame separation is 250 pm, the maxi-

mum allowable transducer speed for this
frame rate was 7.5 mmy/sec. Scan sets of
the phantom were recorded as the sonog-
rapher attempted to move the transducer
at either uniform or variable speeds. Fig-
ure 6a displays the estimated and actual
frame spacing in roughly uniform scan-
ning, and Figure 6b shows the results in a
scan set for which the sonographer in-
creased the transducer speed midway
through scanning, over a region of ho-
mogenous speckle. The speckle-decorrela-
tion estimator tracked the actual position
well, with a mean error of 7% root-mean-
square for the frame spacing and of 3%
root-mean-square for the total distance
traveled. Scanning sweeps performed over
the void-filled portion of the phantom

showed similar results (Fig 6c, 6d). The

total distance travéled in the two-speed
scan in Figure 6¢ is shown in Figure 7a, as
is the corresponding percentage of actual
pixels used (Fig 7b) as determined with
the adaptive mask for ratio of mean inten-
sity to SD. The square of the correlation,
R?, defined as 1 minus the ratio of the
variation of the residuals over the varia-
tion in position, demonstrates the accu-
racy of the estimate.

In the clinical study, one image series
was obtained from a set of breast scans
that depicted a fibroadenoma (Fig 1). The
same transducer and scanner settings were
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Figure 6. Graphs demonstrate comparison of decorrelation-estimated image separation with
spacing computed from position-encoder information for freehand scan sets. (a) Scans obtained
with approximately uniform speed over the speckle region in the phantom. (b) Scans obtained
with two speeds over the same region as in a. (¢} Scans obtained with approximately uniform
speed over the void region in the phantom. (d) Scans obtained with two speeds over the same
region as in ¢. In a~d, Cor. Estimation = correlation estimation.

used as were used for the phantom scans.
Given only one focus, the B-scan image is
not ideal and the tumor outline is unclear.
However, the speckle correlation estimate
for the frame spacing tracked the position
data with an accuracy of 87% (Fig 8). The
region within and surrounding the tumor
deviated from true speckle, and the num-
ber of pixels used in the mask for ratio of
mean intensity to SD decreased to 1,350. A
transverse scan (with the axial and eleva-
tional resolution) through the tumor was
reconstructed by using the position infor-
mation (Fig 9a). The resolution of this
out-of-plane scan is comparable to that of
the original B scan. Finally, Figure 9b shows
a reconstructed C-scan section (with the
lateral and elevational resolution) ob-
tained midway through the lesion.

In another clinical patient, the sonogra-
pher obtained a breast scan while varying
the scanning speed. A transverse image

was then reconstructed with the assump-
tion of a uniform scanning speed (Fig
10a). The arrow denotes the area where
the sonographer slowed down, and the
actual frame spacing is decreased. Figure
10b shows the reconstruction obtained
with the estimated frame spacing and
interpolation. Incorporation of the spac-
ing information subjectively reduced blur-
ring and increased image quality, with
better definition of connective tissue struc-
tures. For this scan, the maximum position
error was 1.49 mm (mean error, 13.9%).

As a final test, a freehand scan that
allowed tilting was obtained in the phan-
tom. The transducer was swept smoothly
through 30° with the transducer-phan-
tom interface as the axis of rotation. The
estimated row spacing was averaged over
250 frames. Whereas exact positioning
could not be recorded, the estimated frame
spacing increased linearly with depth (Fig

Tuthill et al




R?=0.9995

11), indicating the feasibility of tracking
transducer tilt and possibly other motions
in addition to linear translations.

1 Discussion

The elevational decorrelation curves
matched well with the Gaussian function
as predicted by the theory. It should be
noted that the error in the autocovari-
ance estimate increased with lag number
or the total distance between frames. As
the decorrelation curve decreased, the
estimate became unreliable, and thus only
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the transducer. In a and b, Cor. Estimation = correlation estimation.

point values greater than 0.3 were used in
the Gaussian curve fit. For large frame
spacings, the speckle decorrelated in just
a few frames, which reduced the number
of points used in the curve fit and thus
increased the error for the section spacing
approximation.

The beam correlation width for the
focused transducer showed interesting re-
sults as a function of depth. The curve
peaked just above the focal region. Close
to the transducer, a fast decorrelation was
expected due to the incoherent nature of
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Figure 7. (a) Estimated values for the total distance traveled by the transducer, corresponding to the accumulation of the frame spacings shown in
Figure 6c¢. Cor. Estimation = correlation estimation. (b) Corresponding percentage of pixels masked by the speckle selector and used in the section
spacing estimation.
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Figure 8. (a) Estimated frame spacing for breast images obtained in a freehand scanning study. (b) Corresponding total lateral distance scanned by

the beam in the near zone. At large depths,
a fast decorrelation rate was also expected
due to the dominance of noise in the signal
and the incoherence of the beam.

For linear scans, the speckle-decorrela-
tion technique showed excellent results
in estimating frame separation and track-
ing the overall distance traveled. As long
as the sonographer did not exceed motion
of 200 um per frame and sufficient areas of
speckle were present in the scans, the frame
spacing was accurately estimated.

The increased error in the clinical scans
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was expected. When the translator frame-
work was placed on the breast, pressure
was applied to maintain good contact
between the skin and transducer. As the
transducer was moved along the surface,
there was a slight repositioning of the
underlying tissue, which was undetected
by the position encoder. Also, breast con-
tains large amounts of phase-aberrating
tissue that would degrade the beam-
forming process and increase the beam
correlation width of the transducer. The
result is a bias in the estimated frame
separation below its actual value. How-
ever, it should also be noted that the
““actual” separation based on the encod-
ing system may also not be correct due to
relative motion between the frame and
the tissue. This motion would actually be
accounted for by the image-based registra-
tion technique, and as such, the result
may actually be more accurate than the
“actual” result used for comparison. In
the same sense, the image-based registra-
tion technique would give more accurate
spatial measurement in tissues moving
rapidly (eg, with respiration) than would
measurements based on an external frame
of reference. This would be particularly
helpful in compounding of pulsed Dopp-
ler images (12).

The current setup has some limitations
critical to its use in a clinical setting. The
scanning speeds for this study were quite
slow (maximum velocity, 7.5 mm/sec at
30 Hz). Use of higher frame rates would
alleviate this problem, though there is a

trade-off with reduced number of focal

zones and smaller field of view. In theory,
only limited amounts of information,
obtainable in real time, would be re-
quired, and thus limitations of scanning
speed would be reduced.

As previously noted (7), this technique
could be implemented in real time since
only a portion of the image is needed
to determine transducer motion. Similar
to or in conjunction with power Doppler
estimations, a few pulses at high pulse
repetition frequency could be transmit-
ted between acquisition of data from two
consecutive images. The correlations could
be computed at high speeds with a pro-
grammable image processor board as is
used with other US imaging technology
(13,14).

For the clinical study, the transducer
was limited to translational movement.
The framework, which also permits rota-
tion around a fixed axis, was designed for
scanning of large body parts such as
breast, liver, or Achilles tendon. These
two encoded motions were chosen as the
most useful in circumstances such as scan-
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Figure 9. (a) Transverse image of a breast fibroadenoma (F) formed by selecting a vertical section
through a set of B-scan images and correcting for transducer position. (b) C-scan image obtained

from the same B-scan set.

a.

b.

Figure 10. Reconstruction images of a transverse image that was obtained from a set of breast
scans. (a) Reconstruction image with uniform spacing between frames. Arrow indicates a region
where the sonographer slowed down during scanning. (b) Reconstruction image with variable
frame spacing determined with the speckle-decorrelation algorithm.

ning up to and under the ribs. Our future
work will emphasize regional speckle
analysis to calculate motion and thus
allow rotation of the transducer. A prelimi-
naty frame-to-frame correlation can also
be used to account for lateral and axial
motion. This would permit scanning with
a freely held transducer without use of
any position framework.

The speckle-decorrelation algorithm
provides image-based registration of US
frame sections obtained with a freely
moving handheld transducer. Findings in
this study have shown that for three-
dimensional B-scan sets, the section spac-
ing can be determined effectively on the
basis of the speckle decorrelation from
frame to frame. By moving a transducer
slowly over the region of interest and
restricting additional degrees of freedom,

the frame spacing is calculated without
use of any additional position-encoding
hardware. While the errors for the abso-
lute frame distance vary near 10%, the
accumulative error, which is critical for
tumor or other volume estimation, is
much smaller. The efficacy of the tech-
nique was further demonstrated (or sug-
gested) in clinical breast scans, and addi-
tional work should enhance image-based
reconstruction of three-dimensional im-
ages.

1 Appendix

Speckle is formed by the coherent scat-
tering from subresolvable particles. The
derivation for this algorithm starts with a
stochastic analysis of the received ampli-
tude signal (15,16). If the number of
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Figure 11. Estimated depth-varying frame spacing for phantom
scan series obtained by hand tilting a transducer through an approxi-
mately 30° arc, with the face of the scanning head as the axis of
rotation. The spacing at each depth was averaged over 250 frames. Cor.

Estimation = correlation estimation.

independent scatterers in the scanning
volume is large, then on the basis of the
central limit theorem, the sum of the
complex signals will have a Gaussian
distribution with mean of zero and vari-
ance of o2. With use of a transformation
of variables, the amplitude, A, is shown to
have a Rayleigh distribution, p,

PaA) = Alo? exp (—A2/20?).

Analysis of the first-order statistics pro-
vides an interesting result: The ratio of
the mean intensity to SD is a constant
1.91.

For this analysis, the statistics for the
intensity (I) or squared amplitude are
required. By again applying a variable
transformation, the intensity is shown to
have a negative exponential distribution,

() = 1/26? exp (~1/207),

which has a mean of 2¢? and a variance of
40, Thus for fully developed speckle, the
intensity image should have a constant
ratio of mean intensity to SD of 1.0.

Second-Order Statistics

To relate the fluctuations in image in-
tensity from frame to frame, the second-
order statistics of the speckle are used
(17). The amplitude autocorrelation (R,)
for positions r; and r, is defined as

Ru(ry, 1) = (A(r) A(r2)),
and the autocovariance (C,) is

Calry, 12) = Ra(ry, 1) — (Ar)NA* (1),
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where () denotes the expected value. The
normalized autocovariance, p, is referred
to as the correlation function.

The amplitude signal is formed from
the convolution of the transducer point-
spread function with the insonified scat-
tering train. The autocorrelation function
of the amplitude is the convolution of the
autocorrelation functions for the point-
spread function and the scatterers. For pure
speckle, the scatters are independent and
the autocorrelation can be approximated as
a & function. Consequently, the amplitude
autocorrelation is directly proportional to
the point-spread-function autocorrelation.

For a focused transducer, the point-
spread function near the focal zone is
proportional to the square of the Fourier
transform of the transducer aperture (18).
With the rectangular linear array, focus-
ing of the electronic beam apodizes side
lobes. The beam pattern can then be
approximated with a Gaussian curve,
and the point-spread-function autocorre-
lation will also be Gaussian (19),

p(ry, ) = exp [—(rn — 1222y,

where v, is related to the beam width.

After a similar derivation (17), the in-
tensity autocorrelation is shown to have
the form

Ri(ry, 1) = {[r) 1 (r0))
= (L [+ [p(ry, )]
and the autocovariance is

C] (rll rZ) = (IO)Z |p(rll rZ) ‘21

where <I,> is the average image inten-
sity. The intensity correlation function is
thus directly related to the amplitude
correlation function.

This one-dimensional analysis can also
be expanded to include temporal correla-
tion properties for relative motion be-
tween the transducer and the insonified
tissue (20). For a transducer velocity of v,
(in distance per frame) and B-scan frame
number n, the normalized intensity eleva-
tional covariance for a single pixel loca-
tion then has a Gaussian shape (19),

C(nr Z) o« €Xp [_ (VXH)Z/ZO'VZ(Z)],

where ¢,(2) is the depth-dependent beam
correlation width and is determined by
the transducer properties. By fitting the
correlation function for a set of N frames
to a Gaussian curve, the average frame
spacing for that set can be back calcu-
lated.
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Fufure Directions in Diagnostic US’

From modest beginnings about 50 years
ago, ultrasonography (US) has become
the most rapidly growing diagnostic imag-
ing method in worldwide use today. Its
versatility, portability, low cost, and effi-
cacy have made US an indispensable tool
in patient care. Recently, the value of US
has been enhanced by improvements in
both imaging and Doppler technology
and the development of echo-enhancing
agents.

Diagnostic US is based on the scatter-
ing of sound by tissue. Current methods
of detecting and displaying amplitude
and frequency contents of the backscat-
tered ultrasound echoes have achieved
high sensitivity and resolution, permit-
ting excellent imaging of soft tissues and
detection and characterization of tissue
motion and blood flow in real time. Ben-
efiting from dramatic improvements in
computer power, basic US functions of
gray-scale imaging and Doppler are ex-

pected to become even more powerful in
the future. Even more exciting possibili- .

ties arise from the exploration of the
complex interaction of sound with tis-
sues to develop opportunities for novel
methods of imaging that are not possible
with other methods. Opportunities for
further progress in diagnostic US are the
following: (a) improved signal detection:
echo-enhancing agents (contrast agents),
harmonic imaging; (b) improved image
display: three-dimensional US; (c) novel
methods: anisotropic imaging, perfusion
imaging, co-registration, elastography;
(d) instrumentation: microimaging, endo-
imaging, telesonography; (e) therapy and
intervention: high-intensity focused ultra-
sound therapy, guidance, gene therapy;
( f) applications: intraoperative and endo-
scopic.

New developments that will affect the
future of US are currently in progress and
will constitute-the focus of this overview.
They include contrast agents, intraopera-
tive and endoscopic applications, and
three-dimensional imaging. Several other
areas of development included in this
discussion have not yet substantially pen-
etrated clinical US but show promise for
altering and improving the practice of US.

Contrast Agents

Contrast agents (1-8) improve US by
increasing the echo strength from within
thé body rather than by altering the US
equipment. US contrast agents address
several fundamental acoustic. difficulties
in imaging patients when there may be
insufficient US contrast between diseased
tissues and normal regions because the
acoustic properties are not substantially
different. Also, Doppler is less reliable in
slow-flow velocities and in low-volume
flow rates such as in high-grade stenoses,
in which there are few moving erythro-
cytes to produce an adequate signal.

Doppler signals also may be inadequate
due to attenuation in such situations as
deep vessels or when overlying plaque or
bone diminishes the echo strength return-
ing to the transducer.

The pharmaceutical industry is now
creating a variety of US contrast agents.
Agents being investigated include intrave-
nous blood-pool agents that increase
Doppler and gray-scale US signals systemi-
cally, and enteral agents that improve
visualization of the bowel and the ab-
dominal organs beneath the bowel. Com-
panies have begun to market contrast
agents overseas for radiologic and cardiac
applications and in the United States for
echocardiography.

Intravenous contrast agents rely on mi-
crobubbles of gas to strengthen the ech-
oes by increasing backscatter. Manufactur-
ing techniques ensure that there is
uniformity of a small bubble size that
permits the bubbles to cross the pulmo-
nary circulation and capillary beds. Vari-
ous designs have been used to keep
bubbles intact so that the duration of
enhancement can be extended to min-
utes. These designs include the use of
fluorocarbons or other gases to resist dis-
solution and the use of a coating or shell
over the bubbles to make them more
resistant to destruction. The quantity of
gas used is quite small, and the materials
used with the gas are chosen to be as inert
as possible, leading to safety profiles that
have been quite good in clinical trials.

Clinical trials of contrast agents have
shown that both spectral and color Dopp-
ler signals are increased after intravenous
administration. Contrast material has
been administered to a variety of sites,
with the largest experience in the renal
and liver circulations. Studies of both the
main renal arteries (Fig 1) and intrarenal
waveforms have shown improved imag-
ing performance and faster examinations
because of intravenous administration of
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a.

Figure 1. Normal renal artery (angiographically proved) initially misinterpreted at US as renal artery stenosis. (a) Baseline Doppler image shows a
portion of the renal artery (arrows). Spectral Doppler image initially showed increased velocity since the vessel was assumed to be straight and an
incorrect spectral Doppler angle was assigned (not shown). (b) Contrast material-enhanced Doppler image shows a longer length of the renal artery
and shows that the vessel actually has a tortuous course (arrow). The Doppler angle was then correctly assigned, and no elevated velocity was found.

contrast material. US examination in dif-
ficult liver cases such as slow flow in
portal veins in patients with cirrhosis and
in complete interrogation of transjugular
intrahepatic portosystemic shunts has also
been shown to be more accurate after
administration of contrast material. More
complete transcranial Doppler signals can
be obtained after administration of con-
trast material. Contrast material cannot
make a signal appear where the area of
interest is completely obscured by bowel
gas, but it can improve a partial signal
that may be present. If contrast material
can improve confidence in a negative
examination or prove there is a pseudo-
occlusion, confirmatory, often more ex-
pensive testing can be eliminated. Gray-
scale enhancement also is possible with
some agents (Fig 2).

US studies with use of contrast agents
initially will be used in selected cases in
which US information is incomplete or
difficult to obtain. This may be applied to
individual patients or to all who will
undergo a technically demanding study,
such as renal artery or transcranial Dopp-
ler studies. Absence of nephrotoxicity may
help make it an attractive alternative to
iodinated contrast material in certain
other patients. Wider adoption of US
contrast agents will. depend on whether
they can improve accuracy or efficiency
in more routine cases. Studies of accu-
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racy, patient outcomes, and costs, with
larger numbers of patients, will further
clarify the role of these contrast agents.

For contrast agents to be widely adopted
in radiologic practice, several obstacles
must be overcome. US is perceived to be
completely noninvasive. This changes
with an intravenious injection, but the
invasiveness may be acceptable if the test
is more accurate, the cost is modest, and
the administration is not burdensome.
Even with an added cost, contrast agents
may be effective if they can eliminate the
negative consequences of inadequate or
inaccurate US or obviate the use of alter-
native, more expensive, and sometimes
riskier tests.

Further uses of microbubble US agents
are actively being investigated. Agents
with specialized applications, such as or-
gan- or disease-seeking materials, are be-
ing evaluated. Some agents are removed
by the reticuloendothelial system and
can enhance normal liver but not tumors,
which lack these cells. It is hoped that
this will improve the sensitivity of he-
patic US. Agents that attach to pathologic
tissues are also being developed. For in-
stance, some agents have been shown to
attach to thrombi.. This approach may
have therapeutic implications. Micro-
bubbles of a disease-seeking agent can
contain gas and a chemotherapeutic
agent. After the bubble attaches to the

abnormality, a higher energy ultrasound
beam can break the bubble and release
the medicine locally for a potentially
greater response than with traditional
administration. US equipment also is be-
ing changed to use contrast material more
effectively. One promising approach is
harmonic imaging. Since bubbles reso-
nate nonlinearly, they emit harmonic
frequencies, in which case the instru-
ment receives echoes at a different fre-
quency than is transmitted. Contrast ef-
fects may be seen better or for a longer
time with use of harmonic rather than
fundamental frequencies. Other proper-
ties of bubbles are being investigated to
exploit their unique properties. Bubbles
behave differently at different pressures,
which may allow noninvasive determina-
tion of blood pressure. It can thus be seen
that microbubble agents have a vast po-
tential role in improving US imaging.

Intraoperative and Endoscopic
Applications

US has been keeping pace with the
radical changes in surgery and continued
growth of endoscopic procedures. Intraop-
erative US is an established accurate tool
for surgical decision making. US imaging
using specially designed laparoscopic US
probes is another effective tool for provid-
ing important information. Laparoscopy
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can eliminate needless surgery and can
decrease the need- for hospitalization.
Cryoablation can now be performed lapa-
roscopically in some patients. Endo-
scopic US is another growing technique
that can help to stage gastrointestinal
tumors and guide biopsies and other inter-
ventions. Smaller laparoscopic and more
flexible endoscopic designs will allow
these procedures to become even easier
and more routine. The role of miniature
transducers, initially designed for intravas-
cular US, is being expanded to image
many structures such as the ureter,
esophagus, and anal canal. Design
changes will allow better imaging through
these tiny probes as well. The surgeon
and endoscopist need an imaging test to
show them what is below the surface and
to guide therapy. Radiologists should be
Prepared to be part of the team providing
diagnostic US during these procedures or
be left behind as this revolution sweeps
across medicine.

Three-dimensional US

_ Three-dimensional US is a new, excit-
Ing technology that allows physicians to
use US to view anatomy and pathologic
FOnditions as a volume, thereby enhanc-
Ing comprehension of patient anatomy
(9-11). Ongoing developments in com-
buters and technology now permit acqui-
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b.

Figure 2. Liver metastasis. (a) Baseline US image shows a nearly isoechoic liver lesion (arrows) that is difficult to distinguish from adjacent normal
liver. (b) After intravenous administration of contrast material, there is gray-scale enhancement of the liver, and the lesion stands out as hypoechoic
(+) against the more echogenic liver. The blood has markedly increased echogenicity, and the portal veins are markedly echogenic (arrows). Some
portal veins shadow from the amount of contrast agent within them.

sition, analysis, and display of volume

data in seconds, facilitating many oppor-

tunities for rapid diagnosis and interven-
tional techniques. Both commercial and
academic interest in three-dimensional
US is mounting, and continued advance-
ments and understanding are expected in
the near future.

Thus far, three-dimensional US has
demonstrated several advantages com-
pared with two-dimensional US. First,
volume data can be viewed by using a
standard anatomic orientation with pla-
nar images to obtain simultaneous dis-
play of coronal, sagittal, and axial planes
in addition to orientations that are diffi-
cult or impossible to obtain with conven-
tional two-dimensional US due to ana-
tomic constraints (eg, coronal plane of
the uterus). Second, rendering of the en-
tire volume allows the continuity of
curved structures such as liver vessels, the
fetal spine, or fetal face to be viewed in a
single image. Additionally, by rotating
the volume interactively, it is possible to
view the structure from multiple orienta-
tions or perspectives that enhance under-
standing of patient anatomy. Third, more
accurate measurement of organ volume
and irregularly shaped objects may be
readily obtained (12). Fourth, volume data
may be used to guide interventional pro-
cedures providing accurate identification

- of needle or catheter placement. Fifth,

volume data may be archived and subse-
quently reviewed for further critical re-
view or teaching purposes on site or via
the Internet after the patient has left the
clinic.

Ongoing clinical research is evaluating
clinical applications likely to have the
greatest effect on diagnosis and patient
care. To date, fetal (13,14), cardiac (15-
17), and gynecologic (18) areas have re-
ceived the most attention with other
clinical areas receiving increasing inter-
est, including imaging of vascular
anatomy, prostate volume measurement
and assessment of seed placement, guid-
ance of interventional needles and cath-
eters, neonatal head evaluation, and
evaluation of breast mass vascularity (19).
In the fetus, improved visualization of
fetal features, including the face (Fig 3),
spine, and limbs, has improved identifica-
tion of anomalies and has been immedi-
ately appealing for clearly sharing devel-
opmental information with the family
and colleagues. Cardiac applications have
provided a “surgeon’s-eye view” with use
of transesophageal and transthoracic tech-

" niques to assess valve geometry and mo-

tion and plan operative procedures,

" Gynecologic applications include evalu-
ating congenital anomalies of the uterus,
endometrial cancer, adnexal masses, intra-
uterine device position, and follicular
cysts. Applications in-other specialties
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a.

Figure 3.

b. .
(a) Sagittal section through a three-dimensional US volume data set of a 35-week-old fetus is similar to a conventional two-dimensional

US image of the facial profile. (b) Rendered view of the face from the same volume provides a more recognizable picture of the face. (c) Rendered view
of another 35-week-old fetus with cleft lip/palate and hypotelorism. The rendered images clearly demonstrate both normal and abnormal anatomy

in a readily comprehended fashion.

such as urology, gastroenterology, derma-
tology, and ophthalmology are expand-
ing the range of applications for three-
dimensional US methods.

Coming soon will be further develop-
ments that will broaden the adoption of
three-dimensional US imaging world-
wide, including (a) improved overall scan-
ning system performance and smaller
scanners and transducers, (b) improved
user interfaces making it easier to evalu-
ate volume data and understand patient
anatomy, (¢) physiologic gating with both
the cardiac and respiratory cycles elimi-
nating motion artifacts and opening a
window to dynamic processes, (d) combi-

nation of volume imaging and US con-

trast agents to enhance visualization of
vascular anatomy (Fig 4), (e) faster vol-
ume acquisition, analysis, and interactive
displays, ultimately leading to (f) real-
time volume imaging in the near future.
Ultimately, three-dimensional US tech-
nology will provide a central integrating
focus in US imaging. Three-dimensional
US equipment will provide more conven-
tional two-dimensional US imaging capa-
bility but seamlessly expand imaging to
include volume acquisition and display
as necessary to obtain the diagnosis. Fo-
cused application of three-dimensional
US methods will expand the areas in
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which US is the predominant imaging
modality beyond those areas in which US
currently is the method of choice.
Through rapid transmission of volume
data to specialists at distant locations,
patient care will benefit from improved
diagnosis and treatment.

Aisotropic Imaging

Anisotropy, directional dependency, of
the amplitude of a backscattered wave is a
well-known property of US (20-24). Tis-
sues in which backscatter anisotropy has
been recognized include the renal cortex,
myocardium, cerebral periventricular ar-

eas, and, most prominently, muscles and

tendons. Anisotropy has mostly been a
curiosity whose clinical importance rested
only in recognizing its existence and ac-
counting for its effects on images. It has
never seriously been employed as a
method of diagnosis or enhancement of
echo contrast. Yet, the effects of anisot-
ropy on backscatter can be huge, with
angle-dependent backscattered differ-
ences having been measured that can
vary by orders of magnitude (25,26). One
could employ these very large dynamic
ranges in differentiating normal aniso-
tropic tissue from isotropic abnormalities

-such as tendon tears or in measuring

surface-roughening effects of diseases as
in osteoarthritis. Preliminary studies have
shown remarkable angle-dependent sen-
sitivities for backscattered ultrasound.
Roughnesses as smail as 5 pm (root-mean
squared), easily small enough to detect
the earliest structural changes in osteoar-
thritis, can be detected even with the use
of standard diagnostic frequency (5-MHz)
transducers (26,27). Even though carti-
lage surface may be difficult to visualize
in vivo, it and other areas of demon-
strable-anisotropy such as myocardium,
renal cortex, and tendons are waiting to

- be exploited.

Perfusion Imaging

An ultimate goal of vascular imaging is
blood flow perfusion. In US, perfusion-
like estimates (pixel counting) using spec-
tral or color Doppler abound in the litera-
ture, but actual estimates of true perfusion

* are rare, Perfusion represents the volume

of blood per mass of tissue (fractional
blood volume) divided by the mean tran-
sit time of the blood through the tissue.
Recent developments in blood flow quan-
titation appear to make such true perfu-
sion estimates tractable. New techniques
for estimating mean transit time include
Doppler-based techniques (28), speckle

Kremkzu et al
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Figure 4. Three-dimensional US study of a canine kidney after administration of a contrast agent
(Imagent; Alliance Pharmaceutical, San Diego, Calif) and wide-band harmonic imaging (Siemens,
Erlangen, Germany). (a) Two-dimensional US images of the kidney obtained during data
acquisition. (b) Three volume-rendered images of the kidney from different projections. The
continuity of the renal vasculature is clearly visible. Three-dimensional US combined with harmonic

imaging and contrast agents provides superior spatial and temporal resolution compared with those of .

conventional Doppler imaging methods for the evaluation of vascular anatomy.

decorrelation techniques (29), both of
which can be done with or without con-
trast agents, and methods requiring US
contrast agents (30-32). US bubble con-
trast agents have particular advantages in
this regard since they are totally intravas-
Cular, can exploit harmonic imaging to
Ifmove soft-tissue flash artifact (33), and
€an be manipulated externally by the
ultrasound beam to actually alter the
bubble distribution in vivo (30-32). In

fact, extremely short boluses have been

&enerated by using strongly focused exog-
€nous ultrasound sources without injec-
'flf)n of contrast material (34). Such ma-
Mpulations can potentially remove the
Previously confounding effects of separat-
Ing bolus shape from the tissue response
Making mean transit time estimates trac-
g?le- Finally, fractional blood volume
us elmates can now be made either with
con of power Doppler with or without
CongaSt agents or gray-scale imaging with
with ast agents (35,36). Early imaging
. o ‘these techniques has produced per-
Son images in vivo that portend a
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whole new class of US-based diagnostic
capabilities.

Co-registration of Sequential Images

Co-registration of US data sets from
examinations at different times offers the
exciting possibility of much more consis-
tent and sensitive detection of changes in
tissues between studies and better image
quality. This could open new possibilities
for screening anid assessment of growth of
suspicious regions or of masses during
treatment. The three-dimensional image

' registration software, MiamiFuse (Univer-

sity of Michigan, Ann Arbor), was origi-
nally developed for fusion of data sets
from multiple modalities (37). Its initial
application to US images (38) has re-
quired very little preprocessing or specific
image features, as the software is based on
a statistical maximization of a measure
aptly referred to as mutual information.
The technique appears to work even in the

- presence of substantial tissue shear, warp-

ing, and limited overlap of scan regions.

There are other reasons why US exami-
nations might benefit from registration
of several image sets or examinations. For
example, images from different trans-
ducer positions are partially uncorre-
lated, and summing them, in compound
scanning, can improve the contrast-to-
(speckle) noise ratio (39). Also, multiple
viewing directions may depict and better
represent flow than can a single view.
This technique of co-registration by mu-
tual information might be combined with
beam reformation (40,41) for aberration

* correction to realize the high detail resolu-

tion of large apertures. Co-registration of
images might also be combined with
image-based location of images (42) in a
freehand, three-dimensional scan to pro-
vide improved image quality and spatial
fidelity. This is particularly appealing in
the presence of respiratory motion during
slow scanning required for sensitive three-
dimensional imaging of vascularity.

Limitations on Image Improvement
by Safety Considerations

In 1992, the U.S. Food and Drug Admin-
istration increased the limiting-guideline
spatial-peak, time-average intensity lev-
els for all applications to the levels previ-
ously allowed only for peripheral vascular
studies (43). For general and obstetric
examinations, these intensities were al-
lowed to increase by a factor of almost 8.
Since that time, the clear improvement in
frame rate and quality of color flow im-
ages and of multiple-focal-zone gray-
scale images has been made possible

" largely, and at little increased system cost,

by the change in allowed output. The U.S.
Food and Drug Administration acted
(a) because professional organizations co-
operated with industry to provide users
with an indication of the relative output
in the most biophysically relevant terms
available—the thermal index, TI, and the
mechanical index, MI (44); and (b) on the
assumption that users would pay atten-
tion to those convenient indicators on
the displays of systems capable of exceed-
ing the former allowable output levels.
These indices are the best, usually con-
servative, estimates currently available in
real time of the possible peak temperature
rise (TI) and p/f* (the peak negative pres- .
sure divided by the square root of the
frequency, or MI). When users increase
their awareness of these indicators and
employ them in mental risk-benefit analy-
ses whenever the levels are high, it will be
less likely that serious damage will occur.
It would also be possible then that the
limiting guidelines would be raised or
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of Radiologists in Ultrasound have a great
oppertunity to contribute to the success
of translating the research of today into
effective clinical practice of tomorrow.
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