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Abstract— Objective: To assess viscoelasticity, a 

pathologically relevant biomarker, shear wave elastography 

(SWE) generally uses phase velocity (PV) dispersion relationship 

generated via pulsed acoustic radiation force (ARF) excitation 

pulse. In this study, a multi-frequency oscillation (MFO)– 

excitation pulse with higher weight to higher frequencies is 

proposed to generate PV images via the generation of motion with 

energy concentrated at the target frequencies in contrast to the 

broadband frequency motion generated in pulsed SWE (PSWE). 

Methods: The feasibility of MFO-SWE to generate PV images at 

100 to 1000 Hz in steps of 100 Hz was investigated by imaging 6 

and 70 kPa inclusions with 6.5 and 10.4 mm diameter and ex vivo 

bovine liver with and without the presence of an aberration layer 

and chicken muscle ex vivo, and 4T1 mouse breast tumor, in vivo 

with comparisons to PSWE. Results: MFO-SWE-derived CNR 

was statistically higher than PSWE for 6 kPa (both with and 

without aberration) and 70 kPa (with aberration) inclusions and 

derived SNR of the liver was statistically higher than PSWE at 

higher frequency (600-1000 Hz). Quantitatively, at 600-1000 Hz, 

MFO-SWE improved CNR of inclusions (without and with) 

aberration on an average by (8.2 and 156) % and of the tumor by 

122%, respectively, and improved SNR of the liver (without and 

with) aberration by (20.2 and 51.5) % and of chicken muscle by 

72%, respectively compared to the PSWE. Conclusions and 

Significance: These results indicate the advantages of MFO-SWE 

to improve PV estimation at higher frequencies which could 

improve viscoelasticity quantification and feature delineation.  

Index Terms—Phase velocity, multi-frequency oscillation, 

shear wave elastography, viscoelasticity, liver, muscle, tumor. 

I. INTRODUCTION 

The elasticity of tissue has a powerful diagnostic relevance 

and is associated with a broad spectrum of pathologies as the 

elasticity of tissue varies with microstructure, composition, 

histology, and biochemistry. Over the last three decades, 

several ultrasonic methods have been developed to interrogate 

the elasticity of tissue and applied to diagnose diseases [1]. 

Along with elasticity, the assessment of viscosity is gaining 

prominence as the soft tissue exhibits mechanical behaviors of 

both elastic solids and viscous fluids [2]. Ignoring viscosity 

not only induces bias in the assessment of elasticity [3], [4] but 

also overlooks diagnostically relevant information in the liver 

[5]–[8], cancer [9]–[11], musculoskeletal [12]–[14], renal 

[15], [16], and other applications [17], [18]. Due to the 

diagnostic relevance of viscoelasticity, several ultrasonic 

methods to assess these parameters have been developed. To 

assess viscoelasticity, a subset of these methods either use 

ARF-induced “on-axis” displacements [19]–[21] or shear 

wave propagation “off-axis” to the ARF [6], [22]–[29]  or both 

[30], [31]. 

 
 

The “on-axis” ARF-based methods generally fit the 

displacements to the well-known materials models [19], [21] 

to assess qualitative or relative viscoelasticity which means the 

viscoelasticity of a target region is compared with a reference 

region. These methods generally provide better spatial 

resolution and higher penetration depth as “on-axis” 

displacements are evaluated. 

In contrast to displacement-based methods, “off-axis” shear 

wave-based methods assess quantitative viscoelasticity in 

terms of shear wave dispersion and attenuation characteristics 

[6], [32], [33], shear elastic and viscous moduli [22], [32], 

[34]–[36], complex moduli [31], relaxation time constants 

[19], [37], and loss tangent moduli [31]. Further, 

viscoelasticity in terms of modulus can be estimated by fitting 

shear wave dispersion to a rheological model [6], [23], [29] or 

in a model-independent manner by measuring both shear wave 

dispersion and attenuation [22], [24]–[26]. 

While most of these methods represent viscoelasticity as a 

point measure, some recent methods reconstruct 2-D images 

of PV [28] or viscoelastic parameters [22], [27], [29], [36]. 

Budelli et al. used Supersonic Imaging-derived PV and 

attenuation with the assumption of cylindrical shear wave 

propagation to reconstruct images of storage and loss moduli 

[27]. Van Sloun, et al. fitted the shear wave motion dynamics 

to a Kelvin-Voigt model to map viscosity and shear wave 

velocity with assumptions of linear systems and planar shear 

wave propagation [36]. Bhatt et al. reconstructed viscosity 

images by measuring attenuation using a frequency shift 

method with an assumption of the constant shape parameter of 

a power spectrum amplitude [22]. Kijanka et al. used temporal 

frequency and wavenumber relationship to generate PV 

images via 2-D Fourier transform analysis of a sliding window 

of 3x3 to 6x6 mm2 [28]. 

All these methods used a pulsed ARF to generate motion in 

the frequency range of 50-2000 Hz. Instead of using pulsed 

ARF, oscillatory motion can be generated at the target 

frequency by repeating a pulse ARF at a particular frequency 

[23] or modulating ARF duration [38], [39], or by modulating 

ARF amplitude [30], [40], [41]. The advantages of generating 

oscillatory motion are two-fold. First, the motion energy can 

be concentrated at the target frequency instead of the wide 

frequency range as the shear wave loses energy as it 

propagates due to diffraction and viscosity. Second, the target 

frequency can be easily filtered from the motion artifacts.  

However, these oscillatory motion-based methods have their 

pros and cons. 

The generation of narrowband motion using amplitude-
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modulated ARF requires either a mechanical vibrator [41] or 

focused ultrasound (FUS) transducer [30], [40] and then, a 

separate imaging ultrasound transducer is required to track the 

shear wave propagation. This makes the system very complex 

for diagnostic use and inaccessible to different organs. The 

main drawback of the repetition of a pulsed ARF at a particular 

frequency [23] is the generation of motion with amplitudes 

comparable between fundamental versus harmonic 

frequencies. As the wave energy is distributed over several 

harmonics, it may limit its application in a low SNR scenario. 

Sadeghi et al. used a single imaging transducer to generate 

oscillatory motion by modulating ARF duration and then, the 

tracking pulse was transmitted in between the discrete 

excitation pulse to track shear wave propagation [38]. While 

ARF duration modulation generates motion with a target 

frequency amplitude several times higher than harmonic 

frequencies, this method requires separate acquisition to 

collect PV at multiple frequencies which may be challenging 

in the clinical imaging scenario due to the long imaging time 

and difficulty in registering different frequency images if there 

are patients or sonographer hand movements. Note, PVs at 

multiple frequencies are needed to assess viscoelasticity. In 

addition, the authors evaluated the performance of their 

method in homogeneous phantoms only. To assess phase 

velocities at multiple frequencies simultaneously, Zheng et al. 

proposed an orthogonal frequency-based excitation pulse via 

pulse duration modulation which was generated using a FUS 

transducer, and then, an imaging transducer was used for 

tracking motion [42]. The limitations of the study were the use 

of a complex set-up consisting of two separate transducers to 

generate and track shear waves, the assessment of phase 

velocities as a point measure, and the experimental 

demonstration in a homogeneous phantom only without any 

validation of estimated PV. 

Towards the goal of generating PV images at multiple 

frequencies simultaneously with a single imaging ultrasound 

transducer to facilitate data acquisition in clinical settings, this 

study investigates the use of a new method, called MFO-SWE 

which is extended from our previous preliminary work, 

published as a conference abstract [43]. The main innovation 

in MFO-SWE is the employment of a multi-frequency 

excitation and tracking pulse sequence in a single imaging 

transducer to generate and track shear wave motion at targeted 

several frequencies. The excitation pulse in MFO-SWE is 

generated via the sum of sinusoids with higher weights to 

higher frequencies and is then sampled to transmit tracking 

pulses interleaved with excitation pulses. A further innovation 

is the generation of PV images of phantom and biological 

tissues using the employed excitation and tracking pulse 

sequence. The objectives of this study are as follows. First, the 

feasibility of generating PV images at 100-1000 Hz is 

demonstrated using a novel MFO excitation pulse. Second, the 

performance of the proposed method is compared against 

PSWE-derived PV [29] and group velocity (GV) [44] by 

imaging inclusions in a calibrated phantom and ex vivo bovine 

liver with and without a presence of a phase aberration layer 

and ex vivo chicken muscle. Third, in vivo, feasibility of MFO-

SWE is demonstrated by imaging a 4T1 breast cancer mouse 

tumor in comparison to PSWE.  

II. MATERIALS AND METHODS 

A. MFO-SWE Excitation and Tracking Pulse Sequence  

In MFO-SWE, the voltage in the ultrasound system (i.e., the 

pressure of the excitation pulse) was kept constant whereas the 

duration of the excitation pulse is varied to generate an 

amplitude-modulated ARF because variation in duration will 

generate excitation pulses with different intensities (or 

energies). To generate excitation and tracking pulse sequence 

in MFO-SWE, a continuous pulse is first generated as follows 

by summing sinusoids with an integer multiple of fundamental 

frequency fL and higher weight to the higher frequencies: 

𝑒𝑝1 (𝑡) = ∑ 𝑚2 × 𝑐𝑜𝑠(2𝜋𝑚𝑓𝐿𝑡 + 𝜑𝑚) 

𝑀𝑠𝑖𝑛𝑢𝑠𝑜𝑖𝑑 

𝑚=1

 

𝑤ℎ𝑒𝑟𝑒,  𝜑𝑚 =  {
𝜋,   𝑖𝑓 𝑚 𝑜𝑑𝑑
0,   𝑖𝑓 𝑚 𝑒𝑣𝑒𝑛

 

(1) 

where Msinusoid defines the total sinusoid or discrete 

frequency number and the multiplication term, m2 gives larger 

weight to the higher frequency to account for the higher loss 

with frequency. The phase (φm) of sinusoids alternates between 

0 and π to maximize the ep1(t) dynamic range to produce 

motion with a higher range. Note, ep1(t) contains both positive 

and negative values. However, the excitation pulse duration 

cannot be negative. To have only positive values, the 

following equation is used: 

𝑒𝑝2 (𝑡) = 𝑒𝑝1(𝑡) − 1.25 ×  min (𝑒𝑝1(𝑡)) (2) 

where min(ep1(t)) means a minimum of ep1(t). Note that a 

minimum of ep1(t) is a negative number. Therefore, (2) means 

an addition of a dc offset to ep1(t). Then, ep2(t) was rescaled 

so that the minimum and maximum of ep2(t) represent the 

minimum (100 µs) and maximum (300 µs) pulse duration. The 

rescaled ep2(t) i.e., ep2r(t) is then sampled as follows to 

transmit tracking pulses in between the Nep discrete excitation 

pulses (see Fig. 1). 

𝐸𝑃[𝑛] = 𝑒𝑝2𝑟(𝑡) × ∑ 𝛿(𝑡 − 𝑡𝑛)

𝑁𝑒𝑝

𝑛=1

   (3) 

where, δ is the Delta-Dirac function and tn defines the nth 

discrete excitation pulse location in the time-axis. 

Compounded plane wave imaging was used as a tracking pulse 

for estimating excitation pulse-induced motion. 

B. Phantom Experiments 

The MFO-SWE with parameters in Table I is implemented 

in a Verasonics research system (Vantage 256, Verasonics 

Inc., Kirkland, WA, USA) equipped with an L7-4 transducer 

(Philips Healthcare, Andover, MA, USA) for imaging a 

commercially available elastic phantom (model 049A, CIRS, 

Norfolk, VA, USA). Two stepped-cylindrical inclusions with 

nominal Young’s moduli of 6 and 70 kPa embedded in an 18 

kPa background were imaged by submerging the phantom in 

water. For each stiffness, imaging was performed at 6.5 and 

10.4 mm diameter inclusion cross-sections. To investigate the 

effect of the phase aberration on PV imaging, approximately 4 
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mm pork abdominal layer (mainly skin and fat), purchased 

from the local store, was placed in between the transducer and 

phantom surface. The center of the inclusion was 

approximately 33 and 36 mm from the transducer surface 

without and with the presence of the aberration layer, 

respectively and the transducer was held in a steady position 

using a clamp.  

For comparison, PSWE with parameters in Table I was 

performed using the same system immediately following 

MFO-SWE. For both PSWE and MFO-SWE, focused 

excitation and plane wave tracking beams were implemented. 

For each acquisition, 2 frames of PSWE and MFO-SWE were 

acquired by electronically translating the excitation beam 

lateral focus location from the left (-12.0 mm) to the right side 

(12.0 mm). The final PV was the average of PV images 

generated using left-to-right and right-to-left propagating 

shear waves at these two frames. By moving the transducer in 

the elevational direction, 7 repeated acquisitions of PSWE and 

MFO-SWE were acquired at each inclusion. For delineating 

the inclusion boundary, one high-resolution spatially-matched 

B-mode image was acquired using 61 angles compounded 

plane wave with a range from -15o to 15o preceding each MFO-

SWE sequence. 

C. Ex Vivo Bovine Liver and Chicken Muscle Experiments 

Both PSWE and MFO-SWE with parameters in Table I 

were performed on the ex vivo bovine liver and chicken breast 

sample. Both bovine liver and chicken breast samples were 

purchased from a local grocery store. Both samples were kept 

refrigerated after collection. On the day of the experiment, 

samples were removed from the refrigerator and sat at room 

temperature for 3 hours before being placed in a water bath for 

imaging. For the liver, a pork abdominal layer was placed in 

between the transducer and liver surface to investigate the 

effect of the aberration layer, and 7 repeated acquisitions of 

PSWE and MFO-SWE were acquired by translating the 

transducer elevationally. At each location, 3 frames were 

collected with excitation beam lateral focus locations at -12.0, 

0.0, and 12.0 mm. For imaging chicken muscle, PSWE and 

MFO-SWE were performed both in the longitudinal and 

transverse direction by manually orienting the transducer, and 

the excitation beam lateral focus location was set to -12.0 and 

12.0 mm at 1st and 2nd frames, respectively. Similar to the 

phantom experiment, spatially matched high-resolution B-

mode images were also collected.  

D. In Vivo Breast Cancer Mouse Experiment 

In vivo, PSWE and MFO-SWE imaging of an orthotopic, 

4T1 breast cancer mouse tumor (N=1) was performed using 

the ultrasound system with an L11-5 linear array (Verasonics 

Inc., Kirkland, WA, USA) (Table I). The protocol for the 

cancer induction and imaging was reviewed and approved by 

the Columbia University Irving Medical Center Institutional 

Animal Care and Use Committee. 105 4T1 breast cancer cells 

were injected into the 4th inguinal mammary fat pad of the 

eight to ten-week-old female BALB/c mice (Jackson 

Laboratory) [45], [46], and imaging was performed at 27-day 

post-injection of cancer cells. The anesthetized mice (1- 2% 

isoflurane in oxygen) were imaged by placing the mice in a 

supine position with beam lateral focus locations at -7.5 and 

8.5 mm.  

E. PSWE and MFO-SWE Data Processing 

The method, described in [28], was adapted to generate PV 

images at 100 to 1000 Hz in steps of 100 Hz after transferring 

PSWE and MFO-SWE channel data from the Verasonics 

workstation to the computational workstation for offline 

processing. All processing steps, summarized in Fig. 1, were 

identical between PSWE and MFO-SWE and performed in 

MATLAB (MathWorks Inc., Natick, MA, USA). First, the 

Loupas estimator [50] (Table I) was applied to the delay-and-

sum beamforming [49] constructed radiofrequency (RF) data 

to calculate inter-frame displacements, which yielded in a 3-D 

dataset (axial x lateral x time) describing axial particle motion 

over time. Second, a 2-D spline interpolation (interp2 

function) was applied to the 2-D motion data at each time point 

to convert the anisotropic pixel size (0.04 x 0.6 mm2) to an 

isotropic pixel size of 0.1 mm. Third, at each pixel temporal 

motion is converted to the temporal frequency domain using 

1-D Fourier transform (fft function), and then, 2-D spatial 

Table I 

EXCITATION AND TRACKING PULSE PARAMETERS OF MULTI FREQUENCY 

OSCILLATION-SHEAR WAVE ELASTOGRAPHY (MFO-SWE) AND PULSED SWE 

(PSWE) USED IN IMAGING PHANTOMS, EXCISED BOVINE LIVER AND 

CHICKEN MUSCLE, AND IN VIVO BREAST CANCER MOUSE WITH LOUPAS 

PARAMETERS FOR DISPLACEMENT ESTIMATION.  

Parameters 
Phantom/Liver 

/Chicken  
Mouse 

Beam sequence parameters of MFO-SWE / PSWE 

Transducer L7-4 L11-5 

Bandwidth 58% 77% 

Sampling frequency 31.25 MHz 62.5 MHz 

Acoustic lens axial focus  25 mm 18 mm 

Excitation pulse center frequency 4.0 MHz 5.0 MHz 

Excitation pulse  F-number 2.4/1.7/2.0 1.7 

Tracking pulse  center frequency 6.1 MHz 8.9 MHz 

Compounded plane wave per 
tracking pulse 

3 3 

Reference tracking pulse number 10 10 

Plane wave angle range [-4o, 4o] [-4o, 4o] 

Compounded frame rate 5.3 /5.7/5.3 KHz 5.7 KHz 

Excitation beam axial focus  32/25/18 mm  25 mm 

MFO-SWE / PSWE frames per 
acquisition 

2/3/2 2 

Excitation beam lateral focus 

location 

-12, 12 / -12, 0, 

12/ -12, 12 mm 
-7.5, 8.5 mm 

MFO-SWE specific parameters 

Lowest oscillation frequency, fL 100 Hz 100 Hz 

Sinusoids number, Msinusoid 10 10 

Discrete excitation pulse duration  168-213 µs 154-216 µs 

Cycle number, Ncycle 4 4  

PSWE specific parameters 

Tracking compounded frame    175 175 

Excitation pulse duration 350 µs 300 µs 

Loupas displacement estimator parameters 

Interpolation factor 4 4 

Kernel length  1010 µm 692 µm 

8 



TBME-00452-2022                                                                                                                                                                           4 

 

 

motion images at 100-1000 Hz were selected. Fourth, 2-D 

Fourier transform (fft2 function) was applied to convert the 2-

D spatial motion image at each frequency to 2-D spatial 

frequency (klat, kaxial) image, and then, 2nd-order Butterworth 

bandpass and directional filtering were applied to each 2-D 

spatial frequency image using the method described in [47]. 

The power of the spatially directional component of the 

directional filter was 2, which controls the angular width of the 

filter. The passband of the bandpass filter at each frequency 

was calculated by setting lower and higher PV to 0.2 and 10 

ms-1, respectively. Note, if the excitation beam lateral focus 

location is left (negative lateral number) or right side (positive 

lateral number) then left to right or right to left propagating 

shear wave, respectively was selected using the directional 

filter. However, if the excitation beam lateral focus location 

was at the center of the lateral field of view, then both shear 

waves were used. Fifth, 2-D inverse Fourier transform (ifft2 

function) was applied to convert filtered 2-D spatial frequency 

image at each temporal frequency to filtered 2-D spatial 

motion image. Sixth, at each pixel, a 2-D Fourier transform 

was performed over a 2-D window (4 x 4 mm2) surrounding a 

pixel to transform spatial motion to spatial frequency, and 

then, lateral and axial wave-numbers corresponding to the 

maximum Fourier transform amplitude were found. This step 

is repeated for all pixels and temporal frequencies and the 

following equation was used for PV calculation. 

𝑃𝑉 =  
2 𝜋 𝑓𝑡

√𝑘𝑎𝑥𝑖𝑎𝑙,   𝑚𝑎𝑥
2 +  𝑘𝑙𝑎𝑡,   𝑚𝑎𝑥

2

 
(4) 

where ft and klat, max, and kaxial, max represents temporal 

frequency and lateral and axial wave numbers correspond to 

the maximum FT amplitude. Sixth, the generated PV image at 

each temporal frequency was smoothed out using a 2-D 

inverse distance moving average filter with a window size of 

3x3 mm2. As multiple frames of PSWE or MFO-SWE data 

(Table I) were acquired, these steps were repeated to generate 

PV images at each frame. Then, the final PV image at each 

frequency is the average of the PV image at each frame. It took 

7 min to process data from performing the delay-and-sum 

beamforming to generating the final PV images at 100-1000 

Hz using a 2.2 GHz Intel Xeon Platinum processor with a 20 

cores processor. The computational time can be reduced by 

implementing data processing pipelines (Fig. 1) in CUDA 

GPU. 

For comparison, PSWE data was also used to calculate GV  

using a cross-correlation-based method [44] with a window 

and patch size of 3.4 x 3.4 mm2. Similar to the PV calculation, 

2nd-order Butterworth bandpass and directional filter were 

applied and the final GV image is the average of GV at each 

frame. 

F. Image Quality Metrics  

The performance of MFO-SWE and PSWE-derived PV and 

GV images of inclusions and tumor were compared in terms 

of contrast to noise ratio (CNR). CNR was computed as 

|𝜇𝐼𝑁𝐶 − 𝜇𝐵𝐾𝐷| / √(𝜎𝐼𝑁𝐶
2 +  𝜎𝐵𝐾𝐷

2 )  where µ and σ are the 

median and standard deviation of PV in the region of interest 

(ROI) in inclusions (INC) and background (BKD) [48] (see 

Fig. 4). The median was used so that the CNR calculation is 

robust to outliers. However, the signal-to-noise ratio (SNR), 

calculated as μ/σ, was used to compare PSWE and MFO-

SWE-generated PV images of the liver and chicken muscle. 

G. Statistical Analysis 

All statistical analyses were performed in MATLAB. For 

 

Fig 1: Data processing steps employed to generate phase velocity (PV) 

image at 100-1000 Hz using both PSWE and MFO-SWE methods. Steps 
marked by &, $, and # mean steps are repeated for each pixel, time point, 

and frequency, respectively. Note, some steps are repeated for more than 

one case. DAS = Dealy-and-sum; FT = Fourier transform; PM = Particle 
motion; 

 

Fig 2: Continuous (dotted black ) and discrete (red arrow) excitation pulse 

with 100 to 1000 Hz in steps of 100 Hz frequencies with interleaved 
compounded plane waves tracking pulses (red, blue, and green arrows). Y-

axis contains a break to accommodate the difference in excitation and 

tracking pulse duration. 
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evaluating inclusion imaging performance, 16 (diameter, N = 

2, stiffness, N = 2, PSWE and MFO-SWE, N=2, with and 

without aberration, N=2) separate Kruskal-Wallis tests 

(kruskalwallis function), were carried out to compare PSWE 

and MFO-SWE-derived CNRs at 100-1000 Hz. If any group 

was statistically significant, a two-sample Wilcoxon signed 

rank-sum test (signrank function) was used to find which 

frequencies were statistically significant from the frequency 

that generated the highest median CNR. As the objective is to 

maximize CNR for inclusion imaging, maximum CNR was 

compared between PSWE and MFO-SWE using the Wilcoxon 

signed rank-sum test. For liver imaging, PSWE and MFO-

SWE-derived PV and SNR at each frequency were compared 

using the Wilcoxon signed rank-sum test. For all the analyses, 

the statistical significance was based on p < 0.05. 

III. RESULTS 

Fig. 2 shows continuous (dotted line) and discrete (red 

arrow) multi-frequency excitation pulse with Msinusoid = 10 and 

1 cycle of fL = 100 Hz. Therefore, the continuous pulse 

predominantly contains frequencies from 100 to 1000 Hz in 

steps of 100 Hz (equ (1)).  The Y-axis in Fig. 2 is shown in 

terms of the pulse duration to underline the change in pulse 

duration in excitation pulse over time. Instead of changing the 

voltage to generate amplitude-modulated-ARF, the MFO-

SWE methods modulate the excitation pulse duration to 

generate amplitude-modulated-ARF. Note that, pulse intensity 

(i.e., ARF magnitude) is directly proportional to the pulse 

duration. While the range of continuous excitation pulse 

duration is from 100 to 300 µs, the range of discrete excitation 

pulse duration is from 168 to 212.5 µs. The 3 compound plane 

waves (green, cyan, and blue arrows) tracking pulses were 

transmitted in between the discrete excitation pulse. Note that 

the tracking pulse (i.e., typical 2-cycle B-mode pulse) duration 

was fixed, unlike the discrete excitation pulse duration. The 

compounded plane wave tracking pulse number depends on 

the frame rate and time between two discrete excitation pulses. 

As an example, the tracking pulse number was 13 versus 9 in-

between 1st and 2nd versus 2nd and 3rd discrete excitation pulses. 

While 1 cycle of MFO pulse is shown in Fig. 2, data were 

collected using 4 cycles of MFO pulse (Table I). 

Fig. 3 compares PSWE and MFO-SWE in terms of lateral-

temporal particle motion (panels: a and d), spatial-temporal 

frequency of particle motion (panels: b and e), and lateral-axial 

spatial frequency at ft = 300 Hz (panels: c and f). The images 

were generated by imaging a homogenous part of the phantom. 

As 5 discrete excitation pulses per period were transmitted, 5 

shear wavefronts per period (10 ms) were also visible in the 

MFO-SWE image (panel d). However, a single shear wave 

front is present in the PSWE image in panel (a). As a single 

impulsive excitation pulse was transmitted in PSWE, the 

generated temporal frequency was in the broadband range with 

magnitude decreased with frequency (panel b). Note, the 

magnitude was lower around 50 Hz due to the application of 

bandpass and directional filtering. In contrast to PSWE, the 

energy of the particle motion in MFO-SWE was concentrated 

at 100 to 1000 Hz in steps of 100 Hz frequency with the 

highest magnitude at 500 Hz (panel e). This result indicates 

that an MFO excitation pulse can be used to distribute the 

pulse energy at the target frequencies. The lateral-axial spatial 

frequency image at ft = 300 Hz was similar for PSWE versus 

MFO-SWE (panel c versus f). The lateral and axial 

wavenumbers (klat, max, kaxial, max) correspond to the maximum 

Fourier transform magnitude was (690.4, 5.1) and (680.2, 5.1) 

radm-1 which yielded PSWE and MFO-SWE-derived PV of 

2.72 and 2.76 ms-1 at 300 Hz according to (4), respectively.  

Fig. 4 shows representative B-mode, GV, and PV images at 

100-1000 Hz derived by PSWE and MFO-SWE for 6.5 mm 

diameter, 6 kPa inclusion without and with the presence of an 

aberration layer. B-mode and GV images of both inclusions 

are shown side-by-side in the 1st row whereas PSWE and 

MFO-SWE derived PV images at each frequency are shown 

side-by-side for without (2nd and 3rd row) and with aberration 

(4th and 5th row). Six observations are notable. First, PV and 

 

Fig 3: PSWE and MFO-SWE-derived image of  (a, d) particle motion in the lateral-time axis, (b, e) spatial-temporal frequency of particle motion, and (c, f) 
lateral-axial spatial frequency of a homogeneous part of the phantom. kLat and kAx mean spatial wave number in the lateral and axial direction. The center and 

right columns have the same colorbar.  
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GV were lower in inclusion compared to the background as 

the inclusion was softer than the background (6 versus 18 kPa). 

Second, higher (500-900 Hz) and lower (300-500 Hz) 

frequencies delineated inclusion better than other frequencies 

without and with the aberration layer, respectively irrespective 

of methods. Third, while there was no huge difference in 

delineating inclusions between PSWE and MFO-SWE without 

aberration, MFO-SWE clearly delineated inclusion with 

aberration better than PSWE, especially at 500 Hz. Fourth, 

PSWE-derived PV delineated inclusion better than GV 

without aberration whereas GV delineated inclusion better 

with aberration compared to PV. In contrast, MFO-SWE-

derived PV delineated inclusions better than PSWE-derived 

GV for both cases of with or without aberration. This result 

indicates the advantage of distributing energy to target 

frequencies (equation (1)). Sixth, PV in background or 

inclusion did not significantly change with the frequency 

which indicates the primarily elastic nature of the phantom.  

 Similar to Fig. 4, representative B-mode, GV, and PV 

images at 100-1000 Hz derived by PSWE and MFO-SWE for 

6.5 mm diameter, 70 kPa inclusion with and without aberration 

are demonstrated in Fig. 5. As the inclusion was stiffer than 

the background (70 versus 18 kPa), GV and PV in inclusion 

were higher than the background. The performance was 

similar between PSWE and MFO-SWE without aberration, 

MFO-SWE clearly delineated inclusion with aberration better 

than PSWE for frequency 700-1000 Hz. MFO-SWE-derived 

PV at 900-1000 Hz delineated inclusion better than PSWE-

derived GV. The change in PV with respect to frequency was 

also minimal.  

Fig.6 quantitatively compares the performance of GV, 

PSWE, and MFO-SWE-derived PV in delineating 4 different 

inclusions with and without aberration in terms of CNR. The 

CNR of inclusion in PV images varied with frequency, and 

maximum CNR was yielded at a different frequency for 

different inclusions and conditions. The maximum CNR 

yielded by (PSWE, MFO-SWE) for 6.5 mm 6 kPa, 10.4 mm 6 

kPa, 6.5 mm 70 kPa, and 10.4 mm 70 kPa inclusions without 

aberration at (700, 600), (600, 600), (800, 800), (1000, 700) 

Hz and with aberration at (300, 500), (200, 500), (600, 1000), 

(500, 700) Hz respectively.  The MFO-SWE-PV-derived 

maximum CNR was significantly higher than PSWE-PV and 

GV-derived CNR for both softer inclusions without and with 

aberration (except 10.4 mm 6 kPa with aberration: MFO-

SWE-PV versus PSWE-GV, panels: a and b). PSWE-GV-

derived CNR was significantly higher than MFO-SWE- and 

PSWE-PV-derived maximum CNR for both stiffer inclusions 

without aberration (panels: c and d). With aberration, MFO-

 

Fig 4, 6.5 mm diameter, 6 kPa inclusion:  B-mode, PSWE-derived group velocity (GV), PSWE and MFO-SWE-derived phase velocity (PV) images at 100-

1000 Hz of the inclusion with and without the presence of an aberrating layer. B-mode and GV images are shown side-by-side at the 1st row. PSWE (denote 
by P) and MFO-SWE (denote by MFO) - derived PV image at each frequency are shown side-by-side at (2nd, 3rd) and (4th, 5th) rows for without and with the 

aberrating layer, respectively. Note, the axial range is differnet for images without and with the aberrating layer. The border and title of PSWE and MFO-

SWE-derived PV images are in black versus blue color for better distinction. Circular region-of-interest (blue and red contour in Bmode) is used to calculate 
CNR for comparing PSWE versus MFO-SWE whereas black dashed contour represents inclusion boundary. The colorbar applies to all GV and PV images. 
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SWE-PV-derived maximum CNR was significantly higher 

than PSWE-PV for both stiffer inclusions and GV for 6.5 mm, 

70 kPa inclusion, respectively. 

Fig. 7 shows representative B-mode, GV, and PV images 

derived by PSWE and MFO-SWE of a bovine liver ex vivo 

with and without aberration. Four observations are notable. 

First, PV in all frequencies except 100 and 200 Hz is lower 

than the GV irrespective of the method. Second, PV varied 

with frequency which was an indicator of the viscoelastic 

nature of the liver irrespective of methods or conditions. Third, 

PSWE-derived PV was higher than MFO-SWE for most 

frequencies. Fourth, MFO-SWE-derived PV images were 

more homogeneous than PSWE in higher frequencies (600-

1000 Hz). 

 

Fig 5, 6.5 mm diameter, 70 kPa inclusion:  B-mode, PSWE-derived group velocity (GV), PSWE and MFO-SWE-derived phase velocity (PV) images at 100-

1000 Hz of the inclusion with and without the presence of an aberrating layer. B-mode and GV images are shown side-by-side at the 1st row. PSWE (denote 
by P) and MFO-SWE (denote by MFO) - derived PV image at each frequency are shown side-by-side at (2nd, 3rd) and (4th, 5th) rows for without and with the 

aberrating layer, respectively. Note, the axial range is differnet for images without and with the aberrating layer. The border and title of PSWE and MFO-

SWE-derived PV images are in black versus red color for better distinction. Black dashed contour represents inclusion boundary. The colorbar applies to all 
group and phase velocity images. 

 

Fig 6, phantom: CNR of PSWE-derive group velocity (GV, green and black colors), PSWE (red and magenta) and MFO-SWE (blue and cyan colors)-derived 

phase velocity (PV) images of (a) 6.5 mm 6 kPa, (b) 10.4 mm 6 kPa, (c) 6.5 mm 70 kPa, and (d) 10.4 mm 70 kPa inclusions with and without the presence of 
an aberrating layer. Data are plotted as median ± 0.5*interquartile range over 7 repeated acquisitions. For (GV and PV) data, (dashed line and circular marker) 

and (shaded region and errorbar) represent the median and interquartile range, respectively. The Kruskal–Wallis test suggested that CNR of PSWE and MFO-

SWE-derived PV images were statistically different across frequencies and dashed (blue or cyan) and (red or magenta) rectangles represent highest median 
CNR for MFO-SWE and PSWE, respectively. Black and grey asterisks represent statistically different PSWE and MFO-SWE-derived highest CNR (ranksum 

test) for without and with the presence of an aberrating layer. NS= Not significant; 
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Fig.8 quantitatively compares the performance of PSWE 

and MFO-SWE in imaging ex vivo bovine liver in terms of 

velocity (panel a) and SNR (panel b). GV was significantly 

higher than PV at all frequencies except PSWE at 200 Hz 

irrespective of conditions. PSWE-derived PV was 

significantly higher than MFO-SWE at (400-500, 700-800, 

1000) without aberration and at (200-600) Hz with aberration. 

GV-derived SNR was significantly higher than PSWE-PV at 

all frequencies except at 200, 900-1000 Hz (without 

aberration) and 100 Hz (with aberration), and MFO-SWE-PV 

at 100-800 Hz (without aberration) and 100-500 Hz (with 

aberration).  MFO-SWE-PV-derived SNR was significantly 

higher than GV at 900-1000 Hz (with aberration) and higher 

than PSWE-PV at 700-1000 Hz (without aberration) and 500-

1000 Hz (with aberration). PSWE-PV-derived SNR was 

significantly higher than MFO-SWE-PV only at 100 Hz 

without aberration. 

Fig. 9 shows B-mode, GV, and PV images derived by 

PSWE and MFO-SWE of a chicken muscle at longitudinal and 

transverse orientation, ex vivo. Six observations are notable. 

First, both GV and PV were higher in longitudinal than 

transverse direction which was indicative of anisotropy in 

 

Fig 7, ex vivo bovine liver: B-mode, PSWE-derived group velocity (GV), PSWE and MFO-SWE-derived phase velocity (PV) images at 100-1000 Hz of the 

liver with and without the presence of an aberrating layer. B-mode and GV images are shown side-by-side at the 1st row. PSWE (denote by P) and MFO-SWE 
(denote by MFO) - derived PV image at each frequency are shown side-by-side at (2nd, 3rd) and (4th, 5th) rows for without and with the aberrating layer, 

respectively. The border and title of PSWE and MFO-SWE-derived PV images are in black versus red color for better distinction. The colorbar applies to all 

group and phase velocity images. 

 

Fig 8, ex vivo bovine liver: (a) PSWE-derive group velocity (GV, green and black colors), PSWE (red and magenta) and MFO-SWE (blue and cyan colors)-

derived phase velocity (PV) (b) SNR of PSWE and MFO-SWE images of ex vivo liver. Data are plotted as median ± 0.5*interquartile range over 7 repeated 

acquisitions. For (GV and PV) data, (dashed line and circular marker) and (shaded region and errorbar) represent the median and interquartile range, 

respectively. Black and grey asterisks represent statistically different (ranksum test) PSWE and MFO-SWE-derived PV and SNR for without and with the 

presence of an aberrating layer. Frequency without asterisk respresent not statistically significant SNR or PV between PSWE and MFO-SWE.  
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viscoelastic properties. Second, PV increased with frequency 

in both orientations which indicates dispersion in PV. This 

dispersion may be due to the both viscoelastic and anisotropic 

natures of the chicken muscle.   Third, PV at 400-1000 Hz was 

higher than the GV irrespective of methods. Fourth, both 

PSWE and MFO-SWE-derived PV images were more 

heterogeneous in transverse versus longitudinal directions. 

Fifth, at the longitudinal orientation, MFO-SWE-derived PV 

images were similar to the PSWE except at 900 and 1000 Hz.    

Sixth, at the transverse orientation, MFO-SWE-derived PV 

images were better homogeneous than PSWE at 600-1000 Hz. 

Table II lists the median and SNR of PV and GV images of 

chicken muscle at longitudinal and transverse orientations. At 

lower (100-500 Hz) and higher (600-1000 Hz) frequencies, the 

average percent difference in SNR between MFO-SWE and 

PSWE was (-20%, 4.4%) and (24%, 39%) in the (longitudinal, 

transverse) direction, respectively. The positive percent 

difference means MFO-SWE-derived SNR was higher than 

PSWE. 

Fig. 10 shows B-mode, GV, PSWE, and MFO-SWE-

derived PV images of a 4T1 mouse tumor, in vivo. Four 

observations are notable. First, PV images generally better 

delineated the tumor than GV. Second, PV was higher in the 

tumor than in neighboring tissue at most frequencies. Third, 

PV in the tumor increases with frequencies indicating that the 

mouse tumor is viscoelastic. Fourth, MFO-SWE-derived PV 

images better delineated the tumor than PSWE in most 

frequencies. The median PV and GV with CNR of the tumor 

 

Fig 9, ex vivo chicken muscle: B-mode, PSWE-derive group velocity (GV), PSWE and MFO-SWE-derived phase velocity (PV) images at 100-1000 Hz of a 

chicken muscle at the longitudinal and transverse direction ex vivo.  B-mode and GV images are shown side-by-side at the 1st row whereas PSWE (denote by 

P at the title) and MFO-SWE (denote by MFO at the title) -derived PV images at each frequency are shown side-by-side for longitudinal (2nd and 3rd row) and 
transverse (4th and 5th row) directions. The border and title of PSWE and MFO-SWE images are in black versus magenta color for better distinction. The red 

rectangle contour in the B-mode image represents the region of interest for median and SNR calculation. The colorbar applies to all GV and PV images. 

Table II 
PSWE-DERIVED MEDIAN GROUP VELOCITY (GV) AND PHASE VELOCITY (PV) AND MFO-SWE-DERIVED MEDIAN PV ALONG WITH SIGNAL TO NOISE RATIO 

(SNR) IN CHICKEN MUSCLE AT LONGITUDINAL AND TRANSVERSE DIRECTION. 

Material 
Metri

cs 

Metho

ds 
GV 100 200 300 400 500 600 700 800 900 1000 

Chicken 
Muscle 

Longitudinal 

Med 
PSWE 3.68 2.41 3.42 3.70 4.08 4.22 4.34 4.63 4.98 5.07 5.2 

MFO -- 2.90 3.58 3.65 4.11 4.38 4.31 4.42 4.91 5.85 6.27 

SNR 
PSWE 14.7 6.8 6.9 9.5 11.6 12.7 9.0 7.6 8.5 8.4 6.8 

MFO -- 5.2 4.5 8.5 8.5 9.3 9.2 7.6 10.4 11.9 10.3 

Chicken 

Muscle 
Transverse 

Med 
PSWE 2.51 2.32 2.50 2.60 268 2.97 3.0 3.02 3.3 3.42 3.57 

MFO -- 2.48 2.72 2.72 2.77 3.09 3.30 3.09 3.31 4.74 5.06 

SNR 
PSWE 15.7 7.6 12.0 8.3 7.9 6.1 4.9 5.0 4.6 5.0 5.7 

MFO -- 7.5 9.3 8.8 9.9 5.5 6.3 5.6 5.6 7.3 10.5 
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are listed in Table III. CNR of the tumor in the MFO-SWE 

images was greater than 1.0 in all frequencies except 400, 600, 

and 700 Hz. However, PSWE-derived CNR was greater than 

1.0 only at 100, 200, 400, and 600 Hz. 

IV. DISCUSSION 

This study presents a novel method, named MFO-SWE, to 

generate PV images at 100-1000 Hz via a single imaging 

transducer by inducing and tracking multi-frequency motion. 

While MFO-SWE-derived PVs at 100-1000 Hz were 

demonstrated in this study, the method can be expanded to 

generate PV images at other frequencies. As the PV image 

quality depends on the feature size, viscoelasticity, and 

frequency, the performance of MFO-SWE can be further 

improved by making the data collection in two steps. In the 

first step, the data can be collected in a wider frequency range 

(100-1500 Hz), then a narrow frequency range around the best-

performing frequency that can be used in the second step.  

In this study, MFO-SWE-derived PV images were 

compared against PSWE-derived PV and GV images. PSWE 

is considered a comparative benchmark rather than ground 

truth validation. There is a difference between PSWE versus 

MFO-SWE in terms of the intensity or energy of the excitation 

pulse. While the mechanical index was the same for both 

pulses (i.e., the voltage in the Verasonics system was kept the 

same between PSWE and MFO-SWE), the temporal intensity 

is higher in MFO-SWE. One way to increase the temporal 

intensity in PSWE is to increase the pulse duration. However, 

there is a limit to increasing the pulse duration due to the power 

supply and transducer hardware constraints. While 20 discrete 

excitation pulses (5 pulses per period and 4 cycles) were used 

in MFO-SWE, there was at least a 1.5 ms separation between 

two discrete pulses which enabled circumventing power 

supply and transducer hardware constraints and not crossing 

U.S. FDA limits. To evaluate the safety of MFO-SWE, 

acoustic pressure and intensity of the excitation pulses and 

temperature rise during the entire MFO-SWE sequence were 

measured using the method described in our previous work 

[45]. The acoustic pressure was measured in the water and was 

derated by assuming acoustic attenuation = 0.3 dBcm-1MHz-1. 

Using F-number = 2.0, focal depth = 25 mm, and Verasonics 

voltage = 40 V, the derated mechanical index (MI0.3), spatial 

peak temporal average (ISPTA,0.3), and spatial peak pulsed 

average (ISPPA,0.3) of the proposed excitation pulse was 1.5, 37 

Wm-2, and 402 Wm-2.  Due to the separation of the discrete 

excitation pulses (Fig. 2), the temperature rise at the focal 

depth due to the entire MFO-SWE sequence was 0.6oC. The 

current U.S. FDA limits for MI0.3 and tempera rise for 

diagnostic purposes were 1.9 and 6 oC, respectively [45], [49].  

Therefore, MFO-SWE distributes excitation pulse energy at 

the target frequency without crossing FDA limits. Despite the 

longer pulse, motion artifacts do not challenge MFO-SWE as 

the frequency of oscillation is known and can easily be filtered 

out. 

In addition to the assessment of the viscosity [6], 

 

Fig 10, in vivo 4T1 mouse tumor: B-mode, PSWE-derive group velocity (GV), PSWE and MFO-SWE-derived particle velocity (PV) images at 100-1000 Hz 

of a tumor, in vivo.  B-mode and GV images are shown side-by-side at the 1st row whereas PSWE (denote by P at the title) and MFO-SWE (denote by MFO 
at the title) -derived PV images at each frequency are shown side-by-side (2nd and 3rd row). The border and title of PSWE and MFO-SWE images are in black 

versus magenta color for better distinction. The dashed black, dashed green, blue, and red contours in the B-mode image represents tumor boundary, PV image 

field of view, the region of interest in tumor, and nearest non-cancerous tissue. The colorbar applies to all group and phase velocity images. 

Table III 

PSWE-DERIVED MEDIAN GROUP VELOCITY (GV) AND PHASE VELOCITY (PV) AND MFO-SWE-DERIVED MEDIAN PV ALONG WITH CNR IN MOUSE TUMOR 

AND NEIGHBORING NON-CANCEROUS (NC) TISSUE. 

Material 
Metric

s 
Metho
ds 

GV 100 200 300 400 500 600 700 800 900 1000 

Tumor Med 
PSWE 3.24 2.69 2.84 3.03 3.57 4.00 4.08 3.87 3.57 3.84 4.33 

MFO -- 2.81 3.65 3.85 4.14 4.39 4.11 4.97 5.2 4.45 4.63 

NC 

Tissue 
Med 

PSWE 3.21 1.94 2.29 2.72 2.63 3.52 282 3.65 3.28 3.35 3.63 

MFO -- 1.90 2.80 2.67 3.71 3.13 3.08 4.42 4.93 2.75 3.95 

Tumor CNR 
PSWE 0.05 2.31 1.05 0.33 1.28 0.44 1.15 0.17 0.34 0.59 0.84 

MFO -- 2.40 1.19 2.14 0.47 1.08 1.95 0.56 0.21 2.62 0.89 
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maximization of CNR is possible by generating PV images at 

different oscillation frequencies. While GV-derived CNR was 

more than PV in most frequencies, MFO-SWE-PV-derived 

maximum CNR of the softer inclusions without aberration, 

smaller inclusions with aberration, and mouse tumors was 

always higher than the GV (Fig. 6 and Tables III). This 

indicates that the detectability of inclusion can be improved by 

generating PV images at multiple frequencies especially 

difficult-to-image inclusions (i.e. smaller and softer 

inclusions). Note that, the Young’s moduli ratio of inclusion 

to background (18 kPa) was lower for 6 kPa versus 70 kPa. 

The improvement in CNR by PV compared to GV is higher in 

the tumor than in elastic inclusions. Both PSWE and MFO-

SWE-derived PV at 100 Hz were unable to detect the presence 

of either 6 or 70 kPa inclusion due to the higher shear 

wavelength associated with 100 Hz. Note that the shear 

wavelength of 6 kPa, 70 kPa (inclusion), and 18 kPa 

(background) at 100 Hz is 14.1 mm, 48.3 mm, and 24.5 mm, 

respectively assuming the density of the material is 1000 kgm-

3. As the wavelength of 100 Hz oscillation at 6 or 70 kPa is 

higher than the inclusion diameter, PV estimation at 100 Hz 

was corrupted and was higher than other frequencies. Whether 

PSWE or MFO-SWE was used, CNR was higher in 10.4 

versus 6.5 mm diameter inclusions with the same stiffness 

(Figs. 6). This could be due to the discrepancy in the 

manufacturing process or better realizations of motion at a 

particular frequency in the larger inclusion. Without an 

aberration layer, MFO-SWE-PV derived maximum CNR was 

significantly higher than PSWE for both softer (6 kPa) 

inclusions only. This could be due to the effect of softer 

inclusion on the propagating shear waves or due to the lower 

Young’s moduli ratio in the softer inclusion as discussed 

above. The shear wave is decelerated after entering the softer 

inclusion which may distort the higher frequency components. 

This may affect PSWE more than MFO-SWE because 

excitation pulse energy is distributed at the target frequencies 

with higher weights to the higher frequencies in the MFO-

SWE.  

With the presence of the aberration layer, MFO-SWE-PV 

derived maximum CNR was significantly higher than PSWE 

for all inclusions. At 600-1000 Hz, MFO-SWE improved the 

CNR of inclusions on an average of 8.2% versus 156% for 

without versus with the presence of pork abdominal layer 

compared to the PSWE. The presence of a pork abdominal 

layer impacts the PV imaging by reducing the echo SNR, 

introducing phase aberration and attenuated ARF magnitude 

which affect the generation and tracking of ARF-induced 

motion. The echo SNR of the tracking pulses was calculated 

as 20 log10 (μ / σ) over the same field of view of the PV image 

where μ and σ are the mean and standard deviation of the 

beamformed envelope signals over the reference frames [51]. 

The average echo SNR of the phantom with and without the 

aberration layer was 38 and 31 dB. The presence of dispersion 

in softer versus stiffer inclusion was also different. The 

dispersion can be quantified by using dispersion slope (DS)  

with higher DS means higher viscosity [5]. The DS is 

calculated by fitting PV versus frequency (400-1000 Hz) with 

linear regression. The average DS was similar in the 

background of softer (-0.3 versus -0.1 ms-1kHz-1) and stiffer (-

0.1 versus -0.2 ms-1kHz-1) for (without versus with) aberration 

layer. In contrast, the average DS varied from (0.3 versus 0.4) 

to (1.6 versus 0.6) ms-1kHz-1 in the softer to stiffer inclusion 

for (without versus with) aberration layer. Future investigation 

is needed to find out the source (viscosity and/or deceleration 

of shear wave speed) for worse boundary delineation (or CNR) 

by PSWE compared to MFO-SWE in the softer versus stiffer 

inclusion without aberration layer.  

While the phantom is the idealistic representation of 

biological tissue, Figs, 7-10 and Tables II-III compare the 

performance of MFO-SWE versus PSWE to generate PV 

images in biological tissues. In the liver, PSWE-derived PV 

was significantly higher than MFO-SWE at several 

frequencies (Fig. 8a).  The mean percent difference in MFO-

SWE versus PSWE-derived median PV was (-15.2, -21.4) % 

and (-10.6, -4.7) % at 100-500 and 600-1000 Hz for (without, 

with) aberration, respectively. Note, a negative percent 

difference means MFO-SWE-derived PV is lower than the 

PSWE. Despite PSWE-derived PV being higher than MFO-

SWE, MFO-SWE-derived SNR was significantly higher than 

PSWE at several frequencies (Fig. 8b).  MFO-SWE improved 

SNR of PV images on an average (-7.9, 11.4) % and (20.3, 

40.8) % at 100-500 and 600-1000 Hz for (without, with) 

aberration, respectively. The MFO-SWE provides higher SNR 

for higher frequencies as the energy is concentrated at target 

frequencies. Note, the higher SNR indicates better 

homogeneity in the image with an assumption that the bovine 

liver is mechanically homogeneous. If we observe more 

closely, we can see that the high and low pixel values within 

an image vary between frequencies and methods (Fig. 7). This 

indicates that lower SNR in PSWE compared to MFO-SWE 

(Fig. 8) may not be due to the presence of inhomogeneities in 

tissues but instead attributed to noise or loss associated with 

shear wave propagation impacting PV images differently at a 

different frequency and a different location on the propagation 

path. Note, the average (PSWE versus MFO-SWE)-derived 

DS was (0.6 versus 0.8) and (0.8 versus 1.3) for without versus 

with aberration layer, respectively. Both methods indicate 

higher DS for with versus without aberration. The presence of 

a pork layer in between the transducer surface and the liver 

may induce pressure that may alter the viscoelastic properties 

of the liver. Note, PSWE-derived GV was higher for with 

versus without aberration, respectively (Fig. 8a). One 

interesting observation is that PV-derived SNR was on an 

average 6.1 dB versus 9.6 dB at 100-500 versus 600-1000 Hz 

after combing both methods and conditions (Fig. 8b). At first, 

it seems counterintuitive as the higher loss is associated with 

higher frequency. However, it is important to note that the 

window for calculating PV was fixed at 4 x 4 mm2 for all 

frequencies. Therefore, the higher portion of wavelength is 

contained in the window for the higher than lower frequencies.  

While PV increases with frequency in both longitudinal and 

transverse directions in the chicken muscle (Fig. 9), the 

(PSWE, MFO-SWE)-derived DS was (2.0, 3.6) and (1.4, 3.6) 

ms-1kHz-1 in longitudinal and transverse direction, 
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respectively. The higher discrepancy between PSWE and 

MFO-SWE in the transverse direction may be due to the higher 

heterogeneity in the PSWE versus MFO-SWE. Note, the 

average percent difference in SNR between MFO-SWE and 

PSWE was (-24.6%, and -0.4%) and (23%, and 38.6%) in 

(longitudinal and transverse) directions for 100-500 and 600-

1000 Hz, respectively. The SNR difference between MFO-

SWE and PSWE at higher versus lower frequency may be due 

to the concentration of higher energy in the higher frequency 

of the excitation pulse in MFO-SWE and vice versa compared 

to the PSWE.  Future studies will investigate the impact of 

energy difference in PSWE versus MFO-SWE excitation pulse 

on the SNR of PV images in the simulation framework. 

Irrespective of the method, PV images were more 

heterogeneous in transverse versus longitudinal direction. 

Future investigation is needed to study the effect of anisotropy 

in PV calculation in both longitudinal and transverse 

directions. Interestingly, the ratio of PV in longitudinal over 

transverse directions varied with the frequency. The higher 

ratio was observed around 400-800 Hz. Previously, it was 

shown that the shear wave dispersion vibrometry-derived PV 

ratio was variable with frequency in the anisotropic media 

[50].  

For tumor imaging in vivo, MFO-SWE-derived PV images 

delineated tumor better than PSWE (Fig. 10) which is also 

corroborated by higher CNR of MFO-SWE images (Table III). 

Interestingly, PSWE-derived GV was unable to delineate the 

tumor. It may be due to the difference in viscosity of the tumor 

versus neighboring tissue or motion artifacts. Note, data was 

collected without any breath-gating. However, PSWE-derived 

PV was less affected by the motion artifacts as the PV is 

calculated at a particular frequency. In addition, less spatial 

overlap between generated PV images from two different 

excitation beam lateral focus locations (-7.5 and 8.5 mm) at 

two frames also impacted the PV images derived using both 

methods. Future studies will investigate the impact of the 

excitation beam focus location on PV images. Note, the 

(PSWE, MFO-SWE)-derived DS was (0.5, 1.0) and (1.1, 0.65) 

ms-1kHz-1 in the tumor and non-cancerous tissue, respectively. 

The improvement in PV estimation at higher frequencies by 

MFO-SWE varied between the materials tested. The 

difference in improvement may not be due to the difference in 

echo SNR. Note that echo SNR will impact the phase velocity 

images by affecting the motion tracking. The average echo 

SNR of the liver (without and with aberration), muscle, and 

mouse tumor was (32.5 and 25.1), 29.4, and 34.2 dB, 

respectively. While the echo SNR was similar between 

different tissues (average 30.3 dB) and phantom (34.5 dB), the 

performance difference between PSWE and MFO-SWE was 

mainly due to the loss of shear wave energy associated with 

the viscosity of the tissue. In more highly viscous material, the 

shear waves will attenuate more and the reconstruction of 

phase velocity at a higher frequency will be noisier.  

While this feasibility study of generating PV images using 

an MFO-SWE demonstrated strong promise, it has five main 

limitations. First, only one example of MFO-EP with m2 

weight (equation (1)) and 5 discrete excitation pulses per 

period was demonstrated. The weighting scheme, location, 

and the number of discrete pulses were selected empirically so 

that each frequency contains sufficient energy to generate 

motion above the noise level. The performance of MFO-SWE 

will vary based on the weighting scheme, selection of discrete 

excitation pulse, and viscoelasticity of tissues. While it is 

possible to optimize the weighting scheme and selection of 

discrete excitation pulse based on the imaging condition, the 

proposed excitation pulse generated PV images of the 

phantom, liver, chicken muscle, and mouse tumor which 

demonstrates the applicability of the proposed pulse for 

imaging diverse tissues. Future studies will explore the 

feasibility of optimizing the weighting scheme and selection 

of discrete excitation pulse based on the imaging condition by 

comparing different pulse sequences in simulated material or 

two-step data collection mentioned previously. Second, while 

the difference in PSWE and MFO-SWE-derived median PV 

was less than 10% in most frequencies and imaged materials 

(Tables II-III, Fig. 8), there was no validation of which PV was 

correct. Future studies will explore the use of different 

simulation methods to compare PSWE and MFO-SWE-

derived PV in heterogeneous media. Third, PVs were 

estimated without estimation of viscoelasticity. As the 

viscoelasticity assessment depends on the PV estimation, we 

expect that MFO-SWE will provide a better viscoelasticity 

estimation compared to the PSWE. However, estimation of 

viscoelasticity depends on the selection of materials models 

[52], [53]. An appropriate model for the MFO-SWE-derived 

PV dispersion relationship will be explored in the future and 

will be compared with PSWE-derived viscoelasticity in the 

presence of an aberration layer, reverberation noise, and 

motion artifacts. In addition to viscoelasticity estimation, PV 

at each frequency has the potential to be used as a biomarker 

and can be used in artificial intelligence algorithms to improve 

diagnosis. Fourth, SNR was used to compare the performance 

of PSWE and MFO-SWE in the liver and chicken muscle with 

as assumption that both tissues are mechanically 

homogeneous. There was no histopathological validation for 

this assumption. Fifth, MFO-SWE is demonstrated for only 

one in vivo case without any human imaging. Future studies 

will investigate the applicability of MFO-SWE for tumor 

imaging in breast cancer patients. 

V. CONCLUSION 

This study demonstrated the feasibility of an MFO 

excitation pulse to generate PV images at 100-1000 Hz using 

a single imaging transducer. The MFO excitation pulse is 

composed of a sum of sinusoids with higher weights to higher 

frequencies. The feasibility of MFO-SWE was demonstrated 

by imaging 4 inclusions, excised bovine liver and chicken 

muscle, and in vivo 4T1 mouse breast tumor. The median 

percent difference in PV between MFO-SWE versus PSWE 

was less than 10% in most cases. However, the MFO-SWE 

achieved higher CNR in inclusions and tumors and higher 

SNR in liver and chicken muscles. The MFO-SWE achieved a 

significant improvement in PV imaging over PSWE when 

there was a presence of an aberration layer between the 
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transducer and imaging medium. The main advantage of 

MFO-SWE over alternate methods is its ability to distribute 

the energy over target frequencies to improve the PV 

estimation in the corresponding frequencies. Overall, this 

study demonstrated a new SWE-based method to assess PV of 

tissue which shows promise for future clinical applications. 
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