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Bone quality assessment for osteoporosis diagnosis is usually performed using dual energy X-ray

absorptiometry or X-ray quantitative computed tomography. Recent research demonstrated that

both methods are inaccurate in diagnosing osteoporosis since they rely only on the bone mineral

density. The literature on bone quantitative ultrasound suggests that ultrasonic waves are sensitive

to multiple significant bone parameters such as mechanical properties, the bone volume fraction,

and the micro-architecture. Typical ultrasound tomography techniques are limited to image objects

with a low speed of sound contrast relative to a background medium. In this study, the possibility

of adapting a more advanced ultrasound inversion technique referred to as the hybrid algorithm for

robust breast ultrasound tomography for velocity mapping of bone mimicking phantoms was exam-

ined. The cortical bone thickness and the cortical bone speed of sound, which are directly related to

the bone elastic properties, are parameters strongly correlated with the overall bone quality. A finite

element model and an experimental test bench were developed to adapt the hybrid algorithm for

robust breast ultrasound tomography to bone quality assessment. Although artefacts were present in

the images generated, the results obtained enabled discrimination of a healthy bone phantom over

an osteoporotic bone phantom based on the cortical bone thickness and the average cortical bone

velocity. The speed of sound inside the cortical region of the bone phantoms was underestimated

by 9.38% for the osteoporotic phantom, and by 10.68% for the healthy phantom relative to the val-

ues supplied by the bone phantom manufacturer, but there was a difference of 3.97% between the

two samples. The difference between the measured cortical bone thickness of the reconstructed

image and the X-ray computed tomography images was on average 0.4 mm.
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I. INTRODUCTION

Osteoporosis is a medical condition characterized by

bone mass loss and micro-architectural property deteriora-

tion. People affected by osteoporosis have an increased risk

of bone fracture, and thus this condition would ideally be

diagnosed in its early stages to avoid complications. Li

et al.1 showed that the most common diagnostic tool, the

dual-energy X-ray absorptiometry (DXA), is ineffective in

diagnosing osteoporosis since the detection rate is as low as

17.1%. Li et al.1 also showed that the second most common

evaluation method, X-ray quantitative computed tomogra-

phy (QCT), increased the detection rate to 46.3% but is more

expensive, generates higher radiation doses and is still based

only on the bone mineral density (BMD). Numerous stud-

ies2–7 have pointed out that a model combining multiple

bone characteristics (such as the bone cortical thickness, the

density, the bone volume fraction and the mechanical prop-

erties) would be ideal for estimating the risk of fracture with

a high degree of precision. Laugier and Ha€ıat8 showed that

quantitative ultrasound (QUS) is sensitive to multiple bone

properties such as the macro- and micro-architecture, porosi-

ties, and mechanical properties. QUS techniques are also

generally less expensive than X-ray based ones, and are

radiation-free. Axial transmission velocity measurements on

the wrist and broadband ultrasonic attenuation (BUA) on the

finger phalanxes and heel are the most prevalent QUS

parameters examined for osteoporosis diagnosis. These mea-

surements can be used in conjunction with X-ray QCT to

evaluate the bone cortical thickness, but most of the advan-

tages gained by using ultrasound instead of X-rays are then

lost.

The two most common tomographic inversion methods

are straight ray time-of-flight (TOF) tomography and diffrac-

tion tomography (DT). In hard tissues like bone, ultrasonic

wave refraction is too important to consider that rays are

travelling in straight paths for TOF tomography,9 and stan-

dard DT cannot be used since the phase change through the

bone is too big for the first-order Born or Rytov approxima-

tion to hold. The possibility of using a higher-order Born

approximation, referred to as the distorted Born iterative

method (DBIM), for bone ultrasound tomography, was

investigated on children’s bones in Ref. 10. Although most

of the morphological features were represented correctly, the

reconstructed image was not sufficiently accurate to quantify

the cortical thickness and the average cortical velocity.

Another relatively new ultrasound imaging method, the full

wave inversion (FWI),11,12 has enabled velocity mapping ofa)Electronic mail: pierre.belanger@etsmtl.ca
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objects with high speed of sound (SOS) contrast relative to

the background medium. Bernard et al.13 achieved good

SOS maps of a realistic tibia-fibula numerical model.

However, no experimental validation has yet been done on

bones or bone phantoms using FWI. Furthermore, a forward

model must be computed for FWI, resulting in time consum-

ing and computationally expensive calculations.

A faster way to image high velocity contrast materials rela-

tive to the background using ultrasound was proposed by

Huthwaite and Simonetti14 for velocity mapping of breast tis-

sues. This algorithm is referred to as the hybrid algorithm for

robust breast ultrasound tomography (HARBUT). In HARBUT,

a low resolution bent-ray TOF tomography (BRT)15 is first used

as a background for beamforming (BF). Then, a filter is con-

volved with the resulting image to obtain a high-resolution DT

image. Initial in vivo experiments on breast tissues16 suggest

that HARBUT could provide more accurate reconstructions

than DT and higher resolution than BRT.

The aim of this study is to evaluate the possibility of

using an adapted HARBUT for velocity mapping in bone

mimicking phantoms with a view to developing a method

for detecting osteoporosis. The main objective was to com-

pare the velocity maps of osteoporotic and healthy bone

mimicking phantoms using a circular array of transducers.

Section II describes the algorithm, the bone phantoms, the

finite element (FE) model, as well as the experimental setup.

The results are then presented and discussed in Sec. III.

Finally conclusions are drawn in Sec. IV.

II. MATERIALS AND METHODS

A. Description of the bone phantoms

Human bone tissue is a multi-scale, anisotropic, heteroge-

neous, porous, and highly attenuating medium.17 Attenuation

is one of the main limiting factors of bone ultrasound tomog-

raphy since it is frequency-dependent.18 Biological tissues are

considered to be viscoelastic since they return to their original

shape and size when deformed, but are subject to viscous

losses.19 This energy dissipation mechanism due to the relaxa-

tion phenomenon, is the primary causes of absorption in soft

tissues. In hard tissues, attenuation is more complex.

Boundary reflections and other absorption mechanisms, such

as mode conversion, anisotropy loss, porosity, crack friction,

and fluid motion, are responsible for attenuation in solids.20–22

In this study, True Phantom Solutions23 bone mimicking

phantoms with homogenized properties were used to facilitate

the development of the imaging algorithm without the con-

straints of using cadaveric samples. The bone phantoms con-

sisted of cortical bone mimicking shells filled with a

viscoelastic material that has an ultrasonic attenuation represen-

tative of the total attenuation of trabecular bone, as shown in

Fig. 1. The viscoelastic material however does not capture the

scattering effect of trabecular bone. The material used to make

the bone phantom is a proprietary mix of epoxy resin with alu-

mina powder. The mechanical properties of the bone phantoms

were provided by the manufacturer and are detailed in Table I.

The geometrical properties of the bone are shown in Fig. 2.

In the trabecular region of the bone mimicking phantoms,

absorption was much stronger than in water or in the cortical

region since it is a highly viscous medium. The trabecular

region medium is semisolid although it was simplified to an

attenuative acoustic medium with the same SOS as water in the

FE model described in Sec. II B, since its behavior is much

closer to that of a fluid than of a solid. Even though the attenua-

tion does not play a significant role in the speed of sound

tomography, the values for the attenuation in the bone phantom

are in line with the values from literature.24–26 Although the

speed of sound of the cortical region is somewhat lower than

the values from the literature.27 Therefore, the results presented

in this paper remain valid, as the aim is to estimate the speed of

sound difference between two bones of similar velocity.

B. FE model

A FE model was designed in ABAQUS 6.13 to simulate

wave propagation inside the bone phantoms. The sample

FIG. 1. (Color online) (A) True phantom solutions human bone mimicking phantoms, (B) cross-section of the healthy bone phantom, and (C) cross-section of

the osteoporotic bone phantom.

TABLE I. Acoustic properties of the bone mimicking phantoms supplied by

True Phantom Solutions.

Density

(g/cm3)

Velocity at

1 MHz (m/s)

Attenuation

at 1 MHz

(dB/cm)

Cortical healthy bone

phantom

2.33 2900 3.5

Cortical osteoporotic

bone phantom

2.15 2750 5.0

Trabecular healthy

bone phantom

1.66 1700 40

Trabecular osteoporotic

bone phantom

1.39 1600 30
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was immersed in water at 20 �C to provide a couplant

between the probe and the bone phantom. The FE model

was reduced to 2D in order to reduce the size of the model

and the simulation time. Moreover, since the waves are

transmitted through the bones, it is assumed that only a small

quantity of energy would leak in the other direction.

However, this remains a source of error. In this study, a cir-

cular array ultrasound tomography configuration was chosen

to map the velocity inside the bone mimicking phantoms.

The circular array configuration is the only transducer

arrangement that provides a full view of the object to image.

Moreover, polar coordinates can be used to reduce the algo-

rithm complexity and computation time. The bone phantom

geometry was extracted from an X-ray micro-computed

tomography (lCT) scan. The configuration used in this study

is presented in Fig. 2.

In Fig. 2, the dots surrounding the bone mimicking

phantom represent the 360 emitter (point sources) and

receiver positions on a circle of 90 mm diameter. Fewer dots

are represented than in the actual configuration to help visu-

alize the circular array configuration. A five cycle Hann win-

dowed 500 kHz toneburst was sent and captured from all

point source positions in a pitch–catch manner to obtain the

full send–receive TOF data.

An input file was used to generate the nodes location of

the point sources in water and to mesh the square elements

of the model. The element size and integration time steps for

convergence of the numerical results were 20 elements per

wavelength and 20 time step integrations per period.28

The pressure field was calculated for each point source

by running successive simulations at every emission posi-

tion. The simulation time of a single point source on a single

core running at 2.4 GHz was approximately 1.5 h. However

when running an asymmetric model, all 360 point sources

are required for a total simulation time of approximately

three weeks. All materials were considered isotropic and

homogeneous. Acoustic impedance properties were imple-

mented as boundary conditions at the fluid–solid interfaces

with a tie constraint to couple both surfaces. Absorbing

boundaries consisting of acoustic elements with exponen-

tially increasing volumetric drag (as shown in Fig. 2) were

included to simulate an infinite water tank.29 The absorbing

boundary region, the water region and the trabecular region

were modeled with quadrilateral acoustic elements. The cor-

tical region was modeled with quadrilateral solid elements

with an isotropic elastic modulus set to match the True

Phantom Solutions osteoporotic cortical bone SOS. In the

cortical and trabecular regions, the attenuation was modeled,

respectively, as Rayleigh damping30 and volumetric drag.31

At high frequency, the b coefficient associated with stiffness

damping is dominant over the a coefficient associated with

mass damping.32 Therefore, only the b coefficient of

Rayleigh damping was included in the FE model to simplify

coefficient estimation. The Rayleigh damping b and volu-

metric drag c coefficients were estimated experimentally by

matching attenuation measurements on rectangular bone

phantom samples of a thickness of 15 mm at 2.25 and 1 MHz

with the coefficients’ values. The amplitude decay of multi-

ple backwall echoes were compared with the model. The

measurements were repeated three times. The b and c values

were, respectively, found to be 2 e-8 s�1 and 1e7. The attenu-

ation could not be measured at 500 kHz due to the extent of

the time domain signal at this frequency.

In this study, the FE model simulation plane was defined

as the xy plane. Only bulk waves were of interest in the

imaging algorithm, thus guided waves propagating around

the cortical bone shell were not analyzed in depth. In fluids,

shear motion is not sustained, and only pressure waves, more

commonly referred as L-waves, are supported. At a fluid–

solid interface, mode conversion occurs since both S-waves

and L-waves exist in solids. When considering 2D propaga-

tion, the shear vertical wave does not couple to other modes

since there are no waves propagating in the yz or xz planes.

Wave propagation considering only the first reflection at the

fluid–solid boundary is shown in Fig. 3.

In this study, only the arrival time of the solid L-waves

converted into fluid L-waves is of interest for the tomo-

graphic reconstruction. The wave of interest is represented

FIG. 2. Ultrasound tomography config-

uration used in the FE model. The dot-

ted line around the bone phantom

represents the position of the array of

transducers.
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as the top white arrow on the right of Fig. 3. It was demon-

strated in the literature33,34 using simulations and experi-

ments that the ultrasonic guided waves are always arriving

before the bulk waves. Signal processing detailed in Sec.

II D will be used to evaluate the TOF of the mode of interest.

C. Experimental setup

1. Test bench configuration

The setup used to validate the FE results was an ultra-

sound tomography test bench with two single element

Olympus V323-SM 2.25 MHz ultrasound immersion trans-

ducers attached to stepper motors in a water tank (Fig. 4).

The stepper motors were mounted on an aluminum ring

which enables the rotation of the transducers around the

sample in order to replicate a full circular array configura-

tion. The advantage of using this method is that a virtually

unlimited number of transduction positions can be used.

This solution comes with drawbacks such as a longer

acquisition time and more position variations in measure-

ments, but greatly reduces fabrication costs for the

research and development of an ultrasound tomography

system.

Data acquisition was automated using Matlab and a TiePie

Handyscope HS5. A Falco Systems WMA-300 5 MHz 150V

amplifier was used to increase the signal amplitude in order to

penetrate through the sample and obtain a sufficient signal-to-

noise ratio (SNR) for arrival time extraction.

In this study, 322 emission positions and 243 reception

positions were used. The angle of reception was limited to

272� so as to avoid contact between the emitting and receiv-

ing transducers, as represented in Fig. 5. This arrangement

represents a compromise between the total acquisition time

and the sampling resolution. The emitted signals were coded

using Golay coded sequences to increase the SNR. Golay

coded sequences were used to increase the SNR for a limited

acquisition time.

D. Description of the algorithm

1. HARBUT algorithm

Imaging of diffracting objects, such as bones, is limited

to a restricted range of tomographic methods. DT using the

first-order Born or Rytov approximation is the most common

method for mapping the velocity inside diffracting media.

When imaging materials for which the phase change through

the object relative to the background medium is much

greater than p, both approximations do not hold.35 More

advanced imaging techniques, such as DBIM or FWI, must

be used to solve this inverse scattering problem using prior

knowledge of a scattering model or a background close to

the real object. HARBUT is a fast and robust ultrasound

tomography algorithm for imaging diffracting media with

high SOS contrast relative to the background medium. In

HARBUT, a BRT low-resolution velocity map is used as an

initial background for BF. The BF image is then filtered in

the frequency domain to obtain a high-resolution DT

image.36 The algorithm can be iterated to reduce errors and

FIG. 3. Wave propagation considering only transmitted waves in the bone

phantom.

FIG. 4. Experimental ultrasound tomography test bench.
FIG. 5. Simplified top view representation of the experimental ultrasound

tomography test bench.
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total phase change between iterations.37 A schematic of the

HARBUT algorithm is presented in Fig. 6. As detailed in

Ref. 37, the HARBUT algorithm splits the object function

into two components,

OðrÞ ¼ ObðrÞ þ OpðrÞ; (1)

where OðrÞ is the object function at location r, ObðrÞ is the

known background object and OpðrÞ is the perturbation

object. In HARBUT, the initial background object ObðrÞ is

calculated through the TOF BRT. The aim of the initial

background is to reduce the phase change between the back-

ground and the perturbation object so as to respect the Born

approximation when computing the diffraction tomography

image. The HARBUT algorithm implements diffraction

tomography by filtering a beamforming image as detailed in

Ref. 36. Standard beamforming using the difference between

the wavefield measured by the array and the background

wavefield is used. The perturbation object function OpðrÞ is

then obtained by multiplying the Fourier transform beam-

forming image with

jXj
ffiffiffiffiffiffiffi
4k2

u

p
� jXj2

16p2 exp
ip=4
ffiffiffiffiffiffiffiffiffiffi
8pku

p
; (2)

where X is the 2D frequency value and ku¼x/cb is the back-

ground wavenumber defined by the speed of the sound cb of

the background medium.

The major advantage of using HARBUT over FWI is that

the former allows faster computation. The BRT background

only takes a few seconds as compared to a forward model

computation, which can range from a few hours to several

days, depending on the number of parameters taken into

account, the number of receiving positions in the field, and the

method used (analytical model, finite difference, or finite ele-

ments). The computation of the HARBUT algorithm for a

given image was in the region of a few minutes. The other

advantage of HARBUT is that no prior knowledge of the

object characteristics and properties is necessary. This feature

is convenient for medical imaging since bone geometrical fea-

tures and properties can vary considerably between patients.

In the first application of HARBUT proposed by

Huthwaite et al., the SOS and density contrast were always

below 10% relative to the background medium. Therefore,

the phase change caused by the velocity contrast was moder-

ately above p and the density gradient was not taken into

account. In this study, the velocity and the density in the cor-

tical region was far from the background medium (see Table

I), and thus the total phase change was over 12p between the

propagation through the bone and in the background and the

density gradient was significant at the fluid–solid boundary.

Therefore, an alternate data post-processing algorithm was

developed to improve the imaging results.

2. Data post-processing

Multiple data post-processing algorithms have been pro-

posed for HARBUT. The reconstruction accuracy strongly

depends on the algorithm used to extract the TOF and the fre-

quency data. In the context of bone ultrasound tomography,

multiple modes are superposed in the time traces: (1) ultra-

sonic guided waves propagating around the circumference of

the bone and (2) bulk shear and longitudinal waves propagat-

ing through the bone. More details were provided on the

modes superposed in the time traces in Sec. II B. A typical

experimental time-gated time trace is shown in Fig. 7. In this

time trace, the ultrasonic guided wave packet and longitudinal

bulk wave packet are well separated in time. For other pairs

of transducers the wave packets are interfering.

In this study, the method used to extract the TOF as well

as the frequency component of the longitudinal wave propa-

gating through the bone combined thresholding and the auto-

matic TOF picker based on the Akaike information criterion

(AIC).38,39 The extraction of TOF was done in three steps.

First, the global maximum of the signal was located using

the Hilbert transform in a given time domain signal. Second,

the first local maximum arriving after the ultrasonic guided

wave packet propagating around the circumference was

located by setting a threshold equal to a fraction of the global

maximum. The fraction value was calculated by dividing the

smallest bulk wave amplitude from the maximum amplitude

of the time trace. In the third step, the time of the first local

maximum and the global maximum were used as the time

limit of the window parameter for the automatic AIC TOF

picker. The algorithm was finally iterated by reducing the

size of the scanning window by using the minimum time

limit as the time value obtained by AIC TOF. Selecting the

right scanning window is essential for a precise BRT recon-

struction since errors in the arrival time estimation lead to

FIG. 6. Schematic of the HARBUT algorithm. From the time domain signals, the TOF of the mode of interest as well as the scattering data are extracted. The

TOF is used to generate an initial low-resolution bent-ray tomography algorithm. This low-resolution image is used as a background to the beamforming algo-

rithm. The beamforming image is then filtered to generate a speed of sound map. The beamforming algorithm is then iterated by using the speed of sound map

from the previous iteration as the background in the beamforming.
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artefacts. This method yields a closer approximation of

arrival times than both methods used separately. In this

study, iterating the AIC TOF algorithm 3 times provided suf-

ficiently accurate results for the BRT reconstruction.

The post-processing algorithm also used a wave mode

separator by curvature analysis of the Hilbert transform.

When two or more waves arrive close together in time, the

automatic AIC TOF picker is often unable to separate the

contribution of waves. In this study, when bulk compres-

sional waves travelled close to the edge of the object, the

wave travelling in water only could superpose with the

bulk wave transmitted through the object and water. In all

cases when the bulk wave packets transmitted through the

object and water superposed with the bulk wave packets

transmitted in water only, the arrival time estimated by the

AIC TOF picker was slower. One way to overcome this

problem is to take advantage of the information contained

in the Hilbert transformed signal. When a single pulse is

received on a transducer, the envelope of the signal con-

tains a certain signature holding information such as its

width and slope. When two wave packets are received

close together in time, the appearance of the envelope

changes: the width increases, and an inflexion point

appears. This means that the curvature or second-order

derivative of the enveloped signal contains a minima

within the half-width or half-period of the transmitted

toneburst. This minima can be found by performing thresh-

olding on the second-order derivative of the windowed

Hilbert transformed time trace smoothed by multiple mov-

ing averages, as shown in Fig. 8.

Frequency components were extracted by applying a

fast Fourier transform on the bandpass filtered time traces

windowed around the TOF calculated for BRT. Windowing

the signal reduced the noise level, but eliminated scattered

components associated with finer details. The frequency

components were normalized such that the maximum fre-

quency components received on the diagonal of the scatter-

ing matrix would be equal to 1. This process was done

experimentally by positioning the receiving transducer

directly in front of the transmitting transducer.

FIG. 7. A typical experimental time

trace between source position 1 and

sensor position 90. In this configura-

tion the ultrasonic guided wave packet

and the longitudinal bulk wave packet

are well separated in time.

FIG. 8. Hilbert transform of a time domain signal containing (a) two wave packets close together in time and (b) its second derivative.
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III. RESULTS AND DISCUSSION

A. Comparison between FE and experiments

FE and experimental velocity maps of the osteoporotic

bone phantom reconstructed using the adapted HARBUT are

presented in Fig. 9.

Here, the diameter of the circles represents the average

diameters of the bone phantom since it is not a perfect cylin-

der. In Fig. 9(a), the average velocity of the cortical shell and

trabecular region was estimated, respectively, at 2771 and

1548 m/s, with errors of 0.76% and 4.32% from the values set

in the FE model. In Fig. 9(b), the average velocity was esti-

mated at 2492 m/s in the cortical shell and 1548 m/s in the tra-

becular region, with errors, respectively, of 9.38% and 6.50%

from True Phantom Solutions values. Both methods’ results

fall within a 10% relative error, and replicate the true bone

phantom geometry with a good precision. The main difference

between the FE velocity map and the experimental velocity

map lies in the SOS variation within the cortical shell. The

maximum difference between the true cortical bone velocity

and the cortical bone velocity in the FE map was close to

20%. In the reconstruction of the experimental results, the

maximum difference increased to 25%. This increase in varia-

tion was likely caused by the differences between the FE

model and the experimental setup. In the FE model, the pres-

sure field was generated by point sources, whereas when using

the experimental test bench, the field was generated by two

Olympus V323-SM transducers. The Olympus V323-SM

transducer has a nominal element diameter of 6 mm. At

500 kHz the corresponding near field length is 3.04 mm and

the distance between the bone phantom surface and the trans-

ducers was approximately 35 mm. The aperture of the trans-

ducers strongly affected the generated field. The transducers

used experimentally were directive, and did not behave like

point sources. When the received signal amplitude dropped

due to directivity, the BRT reconstruction quality was

degraded since the TOF extraction algorithm was less effective

when the signal amplitude was close to the noise amplitude.

B. Comparison between CT and experiments

In Fig. 10, the BRT (a) and (b) and the HARBUT (c)

and (d) velocity maps of the bone phantoms using the

experimental test bench results are presented. The (e) and (f)

images show the corresponding lCT scans.

1. Cortical thickness measurements

The advantage of using HARBUT over BRT only in

velocity mapping can be seen by comparing Fig. 10(a) to

Fig. 10(c) and Fig. 10(b) to Fig. 10(d). While BRT yields

morphological features and SOS close to the true object,

HARBUT further enhances the final image since it can

account for diffraction effects. This characteristic enables

the detection of finer details since scattering occurs when the

size of a heterogeneity is in the same order of magnitude as

the wavelength of the transmitted wave. Although the corti-

cal and trabecular bone regions of the BRT images were eas-

ily distinguishable, only the HARBUT images were

adequate for evaluation of the cortical thickness. These

images matched the true bone phantoms’ geometry with a

maximum error in cortical thickness evaluation of less than

2 mm and an average error of 0.4 mm. The porosities of the

osteoporotic bone phantom were smaller than the Born

approximation resolution limit (k/2). Therefore, the porosi-

ties are not visible in the HARBUT image, although there is

a local SOS decrease. The cortical thickness value was eval-

uated using image segmentation methods. A circular Hough

transform was applied on the HARBUT image to estimate

the radius and center of the object. Using this information,

the cortical and trabecular region were separated by combin-

ing a Canny edge detector and a threshold. The threshold

was set in order to eliminate high velocity artefacts far from

the boundaries. Figure 11 shows how the osteoporotic bone

and the cortical bone regions are segregated using this

method. The cortical bone thickness is determined as the dis-

tance between the internal and the external edges, following

a straight line from the center.

2. Accuracy of the velocity maps

As mentioned earlier, the average velocity of the osteo-

porotic bone mimicking phantom was evaluated at 2492 m/s

in the cortical region, with an error of 9.38%, and at 1704 m/s

in the trabecular region, with an error of 6.50%. The average

velocity of the healthy bone mimicking phantom was

FIG. 9. (Color online) (a) FE and (b) experimental velocity map of the osteoporotic bone phantom using the adapted HARBUT algorithm.
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evaluated at 2591 m/s in the cortical region, with an error of

10.66%, and at 1578 m/s in the trabecular region, with an

error 7.18%. The velocity in the center of both cortical shells

was close to the expected value although the average velocity

was lower than the values provided by True Phantom

Solutions (see Table I). The healthy bone phantom is still dis-

tinguishable from the osteoporotic bone phantom since there

is an average SOS difference of 99 m/s, corresponding to

3.97%, between the two.

The average velocity was underestimated in the cortical

region since the 3D effects, the density gradient and the atten-

uation were not accounted for in the DT part of the HARBUT

algorithm. These deviations are more significant at boundaries

due to the high density gradient at the water–cortical bone and

cortical bone–trabecular bone interfaces. The attenuation

caused by the out-of-plane scattering and energy dissipation

mechanisms in the material also decreased SOS values since

the amplitude is lower than expected when the waves go

through the bone phantom. The combined artefacts underesti-

mated the velocity, and were more significant at boundaries,

leading to lower accuracy in the image segmentation and a

lower average SOS value in the cortical region.

The SOS map of the trabecular regions did not allow a

distinction between the two bone phantoms. The average tra-

becular velocity of the osteoporotic bone phantom was

higher than in the healthy bone phantom, whereas the oppo-

site should have been expected. This difference is strongly

correlated with artefacts generated by the BRT algorithm. In

FIG. 10. Velocity maps of the osteoporotic (a) and (c) and the healthy (b) and (d) bone mimicking phantom using 322� 322 emission-reception positions

processed with the BRT algorithm only (a) and (b) and with the iterative HARBUT algorithm (c) and (d). (e) and (f) Density maps obtained using lCT for the

osteoporotic and healthy bone, respectively. The lCT images were obtained in the same measurement plane as the ultrasonic tomography.
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Fig. 10(a), artefacts were present inside and outside the

object, whereas in Fig. 10(c), they were only present in the

water. The higher SOS in the trabecular region of the osteo-

porotic bone phantoms caused by the artefacts increased the

average SOS value and reduced the accuracy of the image

segmentation. These errors were generated in the data post-

processing algorithm when the arrival times were not cor-

rectly evaluated. This is currently the main limitation of the

proposed method and further work must be done in order to

obtain velocity maps closer to the real object properties.

IV. CONCLUSION

In this study, the possibility of using an adapted

HARBUT was evaluated for velocity mapping with a view

to developing a method for detecting osteoporosis. The

HARBUT algorithm was adapted by combining threshold-

ing, AIC and curvature analysis based on the Hilbert trans-

formed time trace.

The morphological features of the reconstructed images

were always within 2 mm of the true bone phantom geome-

try. The cortical thickness was evaluated by combining a cir-

cular Hough transform, a Canny edge detector, and a

threshold of the HARBUT images. A difference of 99 m/s,

corresponding to 3.97%, in the average velocity of the corti-

cal shells of the bone phantoms, allowed a discrimination

between a healthy bone phantom and an osteoporotic bone

phantom, although values were approximately 10% lower

than the True Phantom Solutions values provided. Errors in

the average velocities of the trabecular regions of the bone

phantom were always below 10%. Artefacts generated in the

BRT background from erroneous TOF estimations were the

main cause of errors in the HARBUT images.

Overall, HARBUT is a significant improvement over

standard ultrasound TOF and DT, but further work must to

be done to improve the accuracy of the TOF extraction algo-

rithm. Incorporating a map of the density gradient in the

object function and compensating attenuation could also be

investigated as a way to correct velocity underestimation in

the DT algorithm.
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