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Summary

Medical ultrasound, also known as echography and ultrasonic imaging, is a crucial imaging
modality in modern healthcare. The advent of high-frame-rate imaging has broadened
its applications, enabling the measurement of both high blood velocities over large fields-
of-view, and slow-moving blood. High temporal resolution is essential, but accurate flow
measurements also require high spatial resolution in all three orthogonal directions. This
necessitates the use of matrix transducers, which face several challenges depending on
the application. For monitoring the brains of preterm-born babies, the main challenges
include designing a application-specific integrated circuit (ASIC)-integrated matrix that
meets clinical requirements and achieving the necessary data reduction to minimize the
number of cables, ensuring that contact between mother and child remains unrestricted.
For atherosclerosis screening, challenges involve sensor-ASIC integration, developing a
high-frame-rate data acquisition scheme for the ASIC-integrated matrix, including data
processing for volumetric flow quantification, and addressing the high side-lobe level of a
sparse matrix. The objective of this thesis is to address these challenges and develop the
necessary technology to enable the use of ultrasound matrix transducers for quantifying
blood flow and detecting physiologically abnormal flow patterns and velocities in the two
mentioned applications.

Chapter 1 contains an introduction to the development of medical ultrasound, reviews
potential applications for flow measurement, and identifies problems encountered in these
applications. It also presents the research aim and objectives.

Chapter 2 provides an overview of designing a new ultrasound ASIC-integrated
matrix for preterm brain monitoring. It discusses clinical requirements, acoustical design
parameters, and electronic considerations. Our proposal is a 15 mm × 15 mm matrix with a
9.2 MHz centre frequency and 100 µm pitch. The prototypes revealed that the electronics
needed for the proposed design are too large to fit beneath the elements. Therefore, the
current technology and/or design are insufficient to achieve the desired performance.

Chapter 3 introduces an second generation ultrasound transceiver ASIC for carotid
artery imaging, featuring a technique to reduce switching artefacts that negatively affected
image quality. The enhanced switch controller addresses clock feedthrough and charge
injection issues, reducing imaging artefacts by 20 dB.

Chapter 4 details the development of an ASIC-integrated matrix transducer for carotid
artery imaging. The prototype was designed to have 7680 elements on 8 tiled ASICs and
included an attenuating layer between the PZT and ASIC to combat crosstalk. On average,
individual transducer elements exhibited a transmit efficiency of 30 Pa/V at 200 mm, a −6 dB
bandwidth of 45 %, and a receive dynamic range of 81 dB. Overall, the characterization
results are promising and encourage further up-scaling by fabricating a larger transducer
with 10 tiled ASICs with about 10 000 elements.

Chapter 5 describes a computationally efficient frequency domain two-stage beam-
forming approach for polar geometry, allowing significant data reduction in-probe while
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retaining a high-quality image. The method is verified through simulations and measure-
ments, showing that the method requires no trade-off between resolution and artifacts
compared to an alternative method that uses time-of-flight for the second stage.

Chapter 6 evaluates an electronically-translatable linear-array imaging scheme with
the ASIC-integrated matrix from Chapters 3 and 4 for carotid pulse wave imaging, which
measures the stiffness of the wall using its displacement. After optimization, the results
show a point spread function that is twice as wide at −6 dB, and a 4 dB higher clutter level
compared to an imaging scheme that achieves high image quality but not the required
frame rate for this application. The proposed scheme could be beneficial for generating 3D
maps of carotid artery stiffness, providing valuable information regarding cardiovascular
risk.

Chapter 7 applies the same imaging scheme and transducer from Chapter 6 to vector
flow imaging of blood in the carotid, which requires higher frame rates. The impact of
four imaging scheme parameters on velocity estimation accuracy and precision is assessed
through simulations of a straight-tube phantom with a 150 cm/s parabolic flow profile.
The number of sub-apertures had the largest effect on performance. With 5 sub-apertures,
a frame rate of 4 kHz was achieved, resulting in a relative error of 13 % and a standard
deviation of 9 %. Too few sub-apertures worsened the results due to the lower resolution,
while too many led to underestimation at high velocities because of the reduced frame rate.
Results show the feasibility of measuring the high velocities in the carotid using this setup,
provided the appropriate trade-offs are made.

Chapter 8 presents an adaptive array clutter filter to improve blood flow estimation.
By basing the filter on the measured dominant Doppler frequencies in each sub-volume and
temporal window, this approach circumvents the drawback of conventional compounding,
which has a trade-off between image quality and the ability to measure high velocities.
Simulations with a straight-tube phantom and a parabolic flow profile demonstrate that
the adaptive filter can achieve a similar relative error as conventional compounding with a
pulse repetition frequency at least twice as low. Additionally, it can adapt to both spatial
and temporal variations in velocities. Thereby, it can aid with blood flow estimation using
sparse arrays.

Chapter 9 summarizes the thesis results, discusses how well the challenges with matrix
transducers were addressed, and provides recommendations for future research.
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Samenvatting

Echografie, het gebruik van ultrageluid voor medische doeleinden, is van grote waarde in
de gezondheidszorg. De opkomst van beeldvorming met hoge beeldfrequentie heeft de
toepassingen ervan verbreed, zoals het meten van hoge bloedsnelheden in een groot volume
of juist langzame bloedsnelheden. Het accuraat schatten van de snelheid vereist zowel
een hoge temporele als ruimtelijke resolutie, waardoor matrixtransducers noodzakelijk
zijn, maar de toepassing wordt verhinderd door verschillende uitdagingen. Bij hersenmo-
nitoring van te vroeg geboren baby’s zijn de belangrijkste uitdagingen het ontwerp van
een application-specific integrated circuit (ASIC)-geïntegreerde matrix die voldoet aan
alle klinische eisen en de benodigde datareductie om het aantal kabels te minimaliseren,
zodat het contact tussen moeder en kind onbelemmerd blijft. Voor atherosclerose screening
omvatten de uitdagingen de integratie van sensor-ASIC, de ontwikkeling van een afbeel-
dingsmethode met hoge beeldfrequentie voor een ASIC-geïntegreerde matrix, inclusief
gegevensverwerking voor volumetrische stromingskwantificatie, en het aanpakken van
beeldvervuiling met een sparse matrix. Dit proefschrift richt zich op deze uitdagingen en
de ontwikkeling van technologie om met ultrasone matrixtransducers bloedstroming te
kunnen kwantificeren en het detecteren van fysiologisch abnormale stromingspatronen en
snelheden voor de twee genoemde toepassingen.

Hoofdstuk 1 beschrijft de ontwikkeling van echografie, bespreekt potentiële toepas-
singen voor stromingsmetingen en identificeert problemen die zich voordoen bij deze
toepassingen. Het presenteert ook het onderzoeksdoel en de doelstellingen.

Hoofdstuk 2 bevat een overzicht van het ontwerpproces van een nieuwe ASIC-
geïntegreerde matrix voor hersenmonitoring bij te vroeg geboren baby’s. Het bespreekt
klinische vereisten, akoestische ontwerpparameters en elektronische overwegingen. Ons
voorstel is een matrix van 15 mm × 15 mm met een centrale frequentie van 9.2 MHz en
een pitch van 100 µm. De prototypes toonden aan dat de benodigde elektronica voor het
voorgestelde ontwerp te groot is om onder de elementen te passen. De huidige technologie
en/of het ontwerp zijn dus onvoldoende om de gewenste prestaties te bereiken.

Hoofdstuk 3 introduceert een tweede generatie ASIC voor beeldvorming van de
halsslagader, met een techniek om schakelartefacten te verminderen die de beeldkwaliteit
negatief beïnvloedden. De verbeterde schakelcontroller pakt het niet-ideale gedrag van de
transistoren aan, waardoor beeldartefacten met 20 dB worden verminderd.

Hoofdstuk 4 geeft de ontwikkeling weer van een ASIC-geïntegreerde matrix voor
beeldvorming van de halsslagader. Het prototype was ontworpen met 7680 elementen
verspreid over 8 ASIC’s en bevatte een dempende interposerlaag tussen de PZT en ASIC om
overspraak via de ASIC te bestrijden. Gemiddeld had elk element een zendefficiëntie van
30 Pa/V op 200 mm, een −6 dB bandbreedte van 45 %, en in ontvangst een dynamisch bereik
van 81 dB. Over het algemeen zijn de resultaten veelbelovend en moedigen ze verdere
opschaling aan door een grotere transducer te fabriceren met ongeveer 10 000 elementen
verspreid over 10 ASIC’s.



x Samenvatting

Hoofdstuk 5 presenteert een rekenkundig efficiënte tweetraps afbeeldingsmethode in
poolcoördinaten die gebruik maakt van de golfvergelijking in de tweede trap, waardoor
significante gegevensreductie in de transducer zelf mogelijk is terwijl een hoge beeldkwali-
teit behouden blijft. De methode is geverifieerd door middel van simulaties en metingen,
waarbij werd aangetoond dat de methode geen compromis vereist tussen resolutie en
artefacten in vergelijking met een alternatieve methode die time-of-flight gebruikt in de
tweede trap.

Hoofdstuk 6 evalueert een elektronisch verplaatsbare lineair-array afbeeldingsme-
thode met ASIC-geïntegreerde matrix uit Hoofdstuken 3 en 4 voor het meten van puls-
golven die over de halsslagader lopen. Aan de hand van verplaatsing van de wand door
pulsgolven kan de stijfheid van de wand worden gemeten. Na optimalisatie tonen de resul-
taten een twee keer bredere puntspreidingsfunctie bij −6 dB, en een 4 dB hoger niveau van
ruis vergeleken met een beeldvormingsschema dat een hoge beeldkwaliteit bereikt, maar
niet de vereiste beeldsnelheid voor deze toepassing. Het voorgestelde schema kan nuttig
zijn om een 3D-kaart van de stijfheid van de halsslagader te genereren, wat waardevolle
informatie kan bieden bij de beoordeling van hart- en vaatziekten.

Hoofdstuk 7 past dezelfde afbeeldingsmethode en transducer uit Hoofdstuk 6 toe op
het meten van bloedstroming in de halsslagader, wat een hogere beeldfrequentie vereist.
De impact van vier parameters van het beeldvormingsschema op de nauwkeurigheid
en precisie van snelheidsinschatting wordt beoordeeld door middel van simulaties van
een recht-buis fantoom met een parabolisch stromingsprofiel van 150 cm/s. Het aantal
sub-aperturen had de grootste invloed op de prestaties. Met 5 sub-aperturen werd een
beeldsnelheid van 4 kHz bereikt, wat resulteerde in een relatieve fout van 13 % en een
standaarddeviatie van 9 %. Te weinig sub-aperturen verslechterden de resultaten door de
lagere resolutie, terwijl te veel sub-aperturen een onderschatting veroorzaakten bij hoge
snelheden door de verminderde beeldfrequentie. Resultaten tonen de haalbaarheid van
het meten van de hoge snelheden in de halsslagader met deze opstelling, mits de juiste
afwegingen worden gemaakt.

Hoofdstuk 8 stelt een adaptieve filter voor die beeldvervuiling afkomstig van de
transducer zelf vermindert om bloedstroming beter te kunnen meten. Door de filter te
baseren op de gemeten dominante Doppler-frequenties in elk subvolume en tijdvenster,
omzeilt deze benadering het nadeel van de conventionele methode om beeldvervuiling
te verminderen door middel van het coherent combineren van afbeeldingen, wat een
compromis heeft tussen beeldkwaliteit en het vermogen om hoge snelheden te meten.
Simulaties met een recht-buis fantoom en een parabolisch stromingsprofiel tonen aan
dat de adaptieve filter een vergelijkbare relatieve fout kan bereiken als de conventionele
methode met een pulsherhalingsfrequentie die minstens twee keer zo laag is. Bovendien
kan het zich aanpassen aan zowel ruimtelijke als temporele variaties in snelheden. Hiermee
kan het bijdragen aan betere bloedstroominschatting met sparse arrays.

Hoofdstuk 9 vat de resultaten van dit proefschrift samen, bespreekt hoe goed de uitda-
gingen met matrixtransducers werden aangepakt, en geeft aanbevelingen voor toekomstig
onderzoek.
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1.1 Medical ultrasound

M edical ultrasound, also known as echography and ultrasonic imaging, has become
an invaluable imaging modality in modern healthcare. Echography uses high-
frequency sound waves, i.e. ultrasound with frequencies usually higher than

1 MHz, to image the insides of the human body by emitting a pulse and measuring the echo
[1], [2]. The time taken until an echo is measured can be converted to depth using the speed
of sound, while amplitude indicates the acoustic contrast of the medium. Since its inception
in the late 1940s [3], [4], echography has relied on these principles, though imaging
techniques and devices have evolved significantly over time, driven by advancements in
electronics and computational power.

Early ultrasound systems relied on single-element transducers mechanically moved
around the patient, often with large water baths to ensure sufficient coupling between
the transducer and the human body. One example of such a system is the large water
bath scanner developed in the 1960s for fetal imaging [5], as shown in Figure 1.1a. At
the time, the images were effectively purely black-and-white, without any gray levels,
and only appeared after the scan was completed [1]. Due to this, mainly tissue interfaces
and boundaries were visible and the imaging process took a long time. This eventually
transformed into real-time gray-scale imaging using an array of transducers connected to
a portable machine in the 1970s, allowing for better visualization of soft tissue structures.
A modern version of this system is shown in Figure 1.1b. The general imaging method
using these arrays involves transmitting a narrow focused beam and then translating it,
as depicted in Figure 1.2a. The received signals from a transmitted beam contribute to a
single line in the image, hence the term ”line-by-line” imaging. While the use of arrays
and electronically translated beams resulted in much faster imaging than the previous
mechanical translation, frame rates remained insufficient for certain applications, such as
real-time blood flow imaging across a large field of view.

To achieve a high frame rate over a large field of view, a wide beam, such as a plane or
diverging beam, can be transmitted. This approach offers the potential to image everything
at once and achieve frame rates two orders of magnitude higher. However, despite the
feasibility of real-time line-by-line imaging in the 1970s, it was not until the 2000s that
technology capable of processing the vast amount of data from a wide field of view became
available [6].

Using a wide beam to receive signals from a large field of view also presents challenges.
Both lateral resolution and contrast are compromised compared to line-by-line imaging. The
lack of a focused transmit beam limits the ability to distinguish scatterers, and the increased
number of reflections from the wide transmission results in more clutter. However, this
can be mitigated by transmitting multiple, different wide beams, such as from different
transmission directions, and combining the low-quality images from each transmission
into a single high-quality image [7], as illustrated in Figure 1.2b. While this increases
the time required to create a single image, far fewer transmissions are needed compared
to line-by-line imaging to achieve comparable image quality, thus still achieving frame
rates an order of magnitude higher [7]. This “High-frame-rate” or “Ultrafast” imaging has
expanded the scope of medical ultrasound to various new applications, including measuring
high blood velocities over a large field of view, such as in the heart [8], and measuring
slow-moving blood [9], [10].
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(a) (b)

Figure 1.1: (a) Experimental water-bath ultrasound scanner for obstetrics, designed in 1960. Reproduced from
Gill [11], published in Australasian Journal of Ultrasound in Medicine, Under CC-BY 3.0 license. (b) A modern
cart-based scanner: Mindray Resona I9 [12].

(a) (b)

Figure 1.2: (a) Conventional image formation, where the image is formed ”line-by-line”. (b) ”High-frame-rate”
compound imaging, where multiple low-quality images are combined into a single high-quality image. Reproduced
from Bercoff [6], published in Ultrafast Ultrasound Imaging - Medical applications, Under CC BY-NC-SA 3.0
license.

1.2 Applications of echography
Medical ultrasound is used in various applications. It is most well known for its use in
obstetrics, as nearly all pregnant women are examined by ultrasound [1]. Other applica-
tions include echocardiography [8], [13], such as measuring blood flow in the heart, and
oncological fields, such as the detection and characterization of liver tumors [14]. This
thesis focuses on two specific applications of medical ultrasound where high-frame-rate
imaging is beneficial: brain vascularity imaging for babies to monitor their blood perfusion
in the early days after preterm birth, and vascular flow imaging in the carotid bifurcation
to assess atherosclerosis in larger adult cohorts.

1.2.1 Preterm Brain Monitoring
Each year, over 15 million children worldwide, about 10% of the total, are born preterm
[15], [16]. Neuro-developmental problems are not uncommon in preterms and may lead to
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further health issues during adulthood [17]. The main cause is inadequate brain perfusion
due to underdeveloped autoregulation of the brain [18], and haemorrhages that most likely
occur within the first three days after birth and tend to rapidly escalate in severity [19]–[22].
Brain monitoring during these critical early days can reduce or even prevent damage from
brain injuries in these preterms by enabling quick application of treatment after detecting
an abnormality, potentially preventing further neuro-developmental problems.

In order to detect an abnormality in the brain early, it could be monitored via multiple
modalities. Monitoring vital parameters, such as blood pressure and oxygenation levels,
can provide some information, but these are global values and do not directly inform
about the brain. Magnetic Resonance Imaging (MRI) can detect changes in the brain,
but MRI machines are typically not portable due to their high magnetic field strengths.
Transporting critically ill neonates to the MRI is risky and therefore not an option, as they
may not be stable enough for scanning [23]. Recently, portable low-field MRI machines
have been introduced that still provide high-quality images [24], [25], so MRI could be
used for monitoring without transport in the future. Near-infrared spectroscopy (NIRS)
and amplitude-integrated electroencephalography (aEEG) are already used to constantly
monitor the brain, but they can only provide localized readings and might not directly
reflect the state of perfusion or miss small perfusion defects [26]–[28]. Each modality thus
provides incomplete information about the brain’s state. A solution that integrates all
monitoring modalities to provide sufficient information could help [29]. However, even
combined, these modalities do not provide sufficient information about brain abnormalities.

Cranial ultrasound could supplement other modalities to provide a more complete
reading of the brain. Usually, the skull hinders the application of ultrasound to the brain
[30], [31], but in newborns, the fontanelles provide an ideal acoustic window. Ultrasound
has the potential to monitor haemodynamic changes across the entire brain and offer
localized readings [9], [32]. This has been made possible by high-frame-rate imaging,
which, due to the high number of frames, allows for much more efficient separation of
tissue and blood signals [9], [10]. Ultrasound is used daily or when there is visible unease
in a preterm infant in the Neonatal Intensive Care Unit (NICU) in Utrecht. However,
such scans must be performed by a sonographer and cannot be done continuously. The
issue is that ultrasound probes are generally quite large and are connected to the imaging
system with a thick cable, making integration with other head-mounted sensors difficult.
Furthermore, current probes do not provide 3D imaging, which is required to image all
points of interest and ensure resilience against probe movement and placement errors. A
currently existing ultrasound device that can be used for monitoring is the NeoDoppler
[33], but it only provides a single scan line and cannot provide localization beyond the
depth of the signal. Currently, no device exists that can provide whole-brain monitoring
using ultrasound.

1.2.2 Atherosclerosis screening
Atherosclerosis is a disease characterized by the formation of abnormalities in the walls
of arteries, affecting virtually all elderly people [34]. Over time, fatty deposits, known as
plaques, build up in the arterial walls, leading to the narrowing of blood vessels. In the
carotid artery, which supplies the head and brain with oxygen and nutrients, this condition
is called carotid artery disease and usually occurs near the carotid bifurcation [35]. The
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narrowing of the carotid artery, known as stenosis, or plaque rupture is a frequent cause of
stroke [36], [37], a medical emergency that occurs when the blood supply to the brain is
interrupted or significantly reduced. Clinical studies [38]–[41] have shown that coronary
and carotid artery disease are strongly related, and the presence of plaques in the carotid
artery can indicate a higher risk of a heart attack. The exact cause of plaque build-up is
unknown [42], and initially, it presents no symptoms [43]. However, certain risk factors,
such as obesity and smoking, increase the likelihood of developing atherosclerosis [44].
Therefore, screening high-risk populations could help prevent various negative outcomes.

Several diagnostic modalities can detect atherosclerosis in the carotid artery. Computed
tomography angiography (CTA) is fast and relatively operator-independent but requires
the injection of an iodine contrast medium and uses radiation [45]. MRI can also detect
carotid stenosis and, unlike CTA, does not involve radiation and does not necessarily
require contrast agents [46], [47]. However, MRI is expensive and less readily available,
making both methods unsuitable for large-scale screening.

Ultrasound is a non-invasive, safe, and inexpensive technique that allows direct visual-
ization of plaque morphology and blood flow in the carotid bifurcation [48], [49], both of
which can be used to assess the risk of adverse events. It is therefore an ideal modality
for screening and is generally the first modality used for patients with suspected carotid
stenosis [50]. However, there are several problems with its application to screening, as
clinical practice typically uses 2D ultrasound. First, the plaque is a 3D structure, and quan-
titative estimation of its shape and size from 2D ultrasound is prone to error [51]. Second,
reproducing imaging planes at a later date for follow-up studies is difficult, as variations
in the patient’s anatomical situation may hinder access to the same imaging planes [52].
Third, measuring velocities to assess wall stiffness or haemodynamics is hampered by
the presence of out-of-plane components, which reduce accuracy [53]–[57]. These issues
hinder the application of 2D ultrasound for this monitoring application.

1.3 3D ultrasound
For both mentioned applications, perfusion monitoring of the preterm brain and atheroscle-
rosis screening of the carotid artery, there are several issues with the application of 2D
ultrasound, but 3D ultrasound would solve these issues. There are two distinct ways of
achieving that: scanned array transducers and matrix transducers.

1.3.1 Scanned array transducer
An array transducer has multiple elements placed along a line and can form 2D images. By
moving this array around, either mechanically or by hand, the separate 2D images made
at different positions can be stitched together to form a 3D dataset [51], [52]. However,
this method of forming 3D images has several limitations that make it unsuitable for the
mentioned applications. For monitoring the carotid bifurcation, high volume rates are
required to measure the high velocities in all three spatial directions. This cannot be
achieved with this method, as the required motion of the 1D array only allows for relatively
low volume rates. For monitoring the preterm brain, a small and lightweight device is
needed that can move automatically. Mechanically swept transducers are not applicable
as they are bulkier and heavier due to the additional mechanical parts in the housing or
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external fixtures to move the transducer around [58]. Manually moving a smaller 1D array
by hand is also not feasible as it requires constant movement by an operator. Therefore,
this type of 3D imaging is not suitable for the applications in this thesis.

1.3.2 Matrix transducer
A matrix array has elements placed in two dimensions, forming a matrix of elements. It
does not have the same downsides as a scanned array transducer, but it comes with its own
set of challenges. These challenges are mainly due to the complexity of signal data capture
in such probes, as the number of elements scales quadratically with aperture size, instead of
linearly compared to the original array transducers. For example, covering an area of just
10 mm × 10 mm already requires more than 1000 elements for a 3 MHz matrix [59], while
a 10 mm wide array only requires about 32 elements. Although producing matrices with
1000 elements has been shown feasible in research and clinical practice, the relatively small
aperture will severely limit the lateral resolution. While constructing an array with even
more elements is possible to increase resolution and contrast, it is a formidable challenge to
create electrical connections to each element [60], and to control them, as typical systems
can only handle 64 to 256 elements [61]. Therefore, the number of elements that can be
addressed is limited.

There are four different approaches to matrix arrays that deal with the limited number
of available channels differently by trading off lateral resolution, side-lobe level, frame
rate, operational flexibility, and signal-to-noise ratio (SNR) against each other. A fully-
populated matrix, as discussed before, is the most flexible type. All of its elements are
densely packed and can be addressed individually, allowing them to be operated similarly
to conventional 1D arrays. The downside is that this severely limits the aperture, as the
element pitch should preferably be limited to half a wavelength in both directions to avoid
grating lobes [1]. This kind of matrix thus has limited lateral resolution but otherwise
performs like a 1D array. A sparse matrix has elements that sparsely populate a larger
aperture [61]. Compared to the fully-populated array with the same number of elements,
the larger aperture results in higher resolution, but the sparsity results in a higher side-lobe
level, severely reducing contrast, and a lower SNR, which limits the imaging depth. The
side-lobe level can be controlled [61], for example by basing the element positions on the
Fermat Spiral [62], but it remains significantly worse than fully-populated arrays. Sparse
arrays do not necessarily require any additional electronics, can be directly connected to
available scanners, and do not necessarily require specialized imaging schemes. However,
the cables between the elements and the imaging system can cause significant signal loss
due to impedance mismatch [60], [63]. To circumvent this, amplifiers can be used close to
the elements [63]. A sparse matrix thus achieves higher lateral resolution at the cost of
image quality and SNR. A row-column-addressed array (RCA) [64]–[67] is a fully-populated
matrix, but in transmit, only either each full column or each full row can be addressed
separately, while in receive, the other direction can be addressed. This reduces the number
of electrical connections from 𝑁 2 to 2𝑁 compared to a fully-populated array. However, an
RCA requires more complex acquisition schemes, generally resulting in a reduced frame
rate. Furthermore, in general, only the volume directly below the aperture can be imaged.
While the volume can be extended by lenses, this introduces artifacts and is still limited
compared to other types of arrays [68], [69]. An RCA can thus also achieve higher lateral
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resolution but trades off flexibility and frame rate. The final type is an ASIC-integrated
matrix. The application-specific integrated circuit (ASIC) is used to reduce the number of
electrical connections while allowing the matrix to be fully populated. The reduction is
achieved through micro-beamforming (μBF), multiplexing, in-probe digitization, on-chip
pulsers, or any combination of these, depending on the specific application [70]–[73].
Furthermore, amplifiers can be integrated into the ASIC to amplify the signal and prevent
signal loss [71], [74]. While the channel reduction can be achieved in various ways and
therefore can be adapted to an application, each method has its own effects on the imaging,
e.g. μBF increases the effective element size in receive and therefore increases the number
of grating lobes [75], and requires a certain amount of space on the ASIC, which is limited.
Therefore, a trade-off is still necessary to satisfy both imaging and ASIC requirements. An
additional issue is that an ASIC-integrated matrix has a more costly development process,
both in time and money. Each type thus makes the trade-off differently and has its own set
of challenges.

1.4 Challenges with matrix transducers for applications
While both applications require a matrix transducer, the requirements for each applica-
tion differ. This necessitates different trade-offs and potentially different types of matrix
transducers. Here, we discuss both applications further and the specific challenges that
arise.

1.4.1 Preterm brain monitoring
For preterm brain monitoring, the device must be small to integrate with other modalities,
and the imaging volume must be wider than the aperture, which is limited by the fontanel.
Therefore, both a fully-populated matrix and RCA are unsuitable. A sparse matrix has
a relatively low SNR and a high of side-lobe level. This might be problematic when
measuring perfusion because blood signals have a relatively low amplitude compared to
the surrounding tissue, i.e., about 40 to 60 dB lower [76], and the high side-lobe level adds to
the already increased side-lobe level from high-frame-rate imaging [7], which is beneficial
to use when measuring perfusion [9], [10]. Therefore, we do not consider these three types
suitable for this application.

We believe an ASIC-integrated matrix would be a good fit for preterm brain monitoring
as it can be adapted to the application and could provide the necessary high channel
reduction. However, this type of matrix has its own challenges. For this application, the
main challenges are the design of the matrix itself and the required data reduction to
minimize the number of cables, as discussed below.

Trade-offs in ASIC-integrated matrix design
A device capable of monitoring does not currently exist and therefore must be designed.
This requires considering the clinical requirements, the acoustical effects of the matrix
parameters, and the effects and space requirements of the electronics in the ASIC. Therefore,
a process is necessary to optimize these trade-offs for this specific application while
considering all these factors.



1

8 1. Introduction

Data reduction methods
Monitoring should be done without restricting contact between mother and child, which is
highly advantageous for the baby’s development. Ideally, this means the device should be
wireless, but at the very least, it should minimize the number of cables. The transfer of
data between the transducer and imaging system is a bottleneck in an ultrasound system,
so a method is necessary to reduce the amount of data in-probe to minimize the number of
cables. One method that can achieve this is two-stage beamforming [77]–[79]. In the first
stage, the data is reduced in-probe from channel to scanline data, i.e. a single output instead
of one output for every element. In the second stage, a high-quality image is reconstructed
by combining the scanline data from each pulse-echo. For the second stage of this process,
there are two approaches available: a time-of-flight and a wave equation approach. For
linear arrays, which scan the imaging volume by translating the transmit beam, the wave
equation approach has superior computational efficiency compared to the time-of-flight
approach because most steps can be performed using fast Fourier transforms (FFTs) [79].
Although superior image quality might also be expected [80], this has not been shown.
For phased arrays, which scan the imaging volume by rotating the transmit beam, a wave
equation approach is possible, but not all steps can be performed using FFTs, making this
approach computationally inefficient. For perfusion monitoring, beam steering is required,
and a wave equation approach that can work with beam steering would be beneficial due to
its potential advantages in both computation and image quality, but this currently cannot
be achieved. Therefore, developing a computationally efficient method would be beneficial
for this application.

1.4.2 Atherosclerosis screening
The carotid artery is easily accessible for ultrasound, making it suitable for various types of
matrices. However, we will focus on the ASIC-integrated matrix and sparse matrix, as both
types are developed in-house. For the ASIC-integrated matrix, a device specifically designed
for imaging the carotid bifurcation has already been developed [71]. However, we identified
two issues related to the integration of an ASIC that resulted in image artifacts. Additionally,
high-frame-rate imaging is necessary to measure flow, which requires specialized imaging
schemes for this matrix. Regarding the sparse array, a common issue is the high side-lobe
level. While methods exist to reduce the side-lobe level, aside from modifying the placement
of the elements, they face challenges when applied to flow measurements. Thus, there are
three separate challenges for these two matrices when applying them to atherosclerosis
screening. We will discuss these issues in the following sections.

Sensor-ASIC integration
While an ASIC can provide significant channel reduction and handle a large number of
elements, its integration can introduce several visible imaging artifacts. Specifically, we
observed that the non-idealities of the electronics in the ASIC can introduce acoustic
artifacts, and that integrating an ASIC with PZT as the sensor material in the acoustic
stack negatively affects acoustic performance. This is further discussed in the following
paragraphs.

High-voltage components require more isolation than their low-voltage counterparts.
In an ASIC-integrated matrix, where space is limited, low-voltage components are preferred
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whenever possible. There is at least a two orders of magnitude difference between the
voltage of the transmit pulse and the received signals, allowing the receive electronics
to use more compact components. To achieve this, the receive electronics must be iso-
lated from the transmitted signals, necessitating a Tx/Rx switch. However, the required
metal–oxide–semiconductor field-effect transistors (MOSFETs) for this switching operation
have non-idealities, leading to clock feedthrough and charge injection [81]. In an ASIC-
integrated matrix for the carotid artery [71], this was observed as additional transmitted
pulses emitted when switching between Tx and Rx, with amplitudes similar to that of the
transmitted pulse. Various techniques exist to counteract these non-idealities [82], [83], but
they require additional components. This is not feasible to include in the ASIC, as space
is at a premium and the high-voltage MOSFETs required for the switch are considerably
larger than their low-voltage counterparts. Therefore, an alternative solution is necessary.

While at the output of an ASIC the amount of electrical connections can be reduced, all
individual sensor elements still need to be connected to the input of the ASIC. One solution
is integration with a pitch-matched ASIC, where an interconnection layer, such as a flex
circuit [84] or a non-conducting buffer layer with gold balls [71], connects the individual
elements to an ASIC with input pads spaced according to the element pitch. However, this
type of integration has a downside: the ASIC becomes part of the backing of a transducer.
The backing is crucial for the transfer efficiency and bandwidth of the transducer [2].
For instance, an air-backed transducer, which effectively has a high impedance mismatch
backing, achieves high transfer efficiency as all energy is transmitted forward. Conversely,
a high-attenuating backing achieves high bandwidth by damping all incoming waves. An
ASIC, however, acts as neither in our matrix transducers, as it has a similar impedance
to PZT and low attenuation [85], [86]. This results in reflections from layers beneath the
ASIC being visible in the signal and crosstalk between elements due to the propagation of
Lamb waves in the ASIC [86]. Together, these effects lead to lower bandwidth and spurious
signals. To mitigate these issues, the interconnection layer must either sufficiently attenuate
the waves or completely reflect them. Both approaches exist, but they either cannot be
applied to a small pitch [87] or require extremely precise manufacturing tolerances [84].
Therefore, another approach would be helpful to reduce the negative effects of an ASIC.

High-frame-rate data acquisition scheme
An ASIC-integrated array might require different data acquisition schemes, depending on
the data-reduction methods applied. This also applies to a matrix array designed specifically
for measuring various quantities around the carotid bifurcation [71]. The matrix covers
an area of 12 mm by 36 mm, subdivided into 80 columns and 120 rows. To address these
9600 elements, 120 transmit and 120 receive channels are connected to the 120 rows.
Beneath each element is a set of switches that allow each row to have an arbitrary set
of elements connected in transmit and receive modes separately, which can be changed
after each pulse-echo. For the best image quality, a full read-out with 80 pulse-echo events
is necessary, resulting in a volume rate of 250 volumes per second at a PRF of 20 kHz.
However, this frame rate is insufficient for both carotid pulse-wave imaging and blood flow
measurements in the carotid, which require at least 1000 volumes per second [88]–[90].
Therefore, an alternative acquisition scheme is necessary that provides both a high frame
rate and sufficient image quality for these applications.
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Vector flow imaging with a sparse array
Methods exist to reduce the high clutter level of a sparse array, but they have various issues
when applied to flow imaging. The most common method is image compounding [7], [91].
This technique involves transmitting a sequence of partially overlapping ultrasound beams
and coherently combining the reconstructed lower-quality image data to produce a final
image with improved quality, both in terms of resolution and clutter reduction. However,
such compounding acts as a moving average over the captured series of lower-quality
image data, effectively low-pass filtering the temporal data. Since high axial velocities of
blood and tissue correspond to high temporal frequencies, the moving average operation
may remove these signals. Therefore, although a longer compounding ensemble of unique
beams generally improves image quality, it also suppresses high-velocity signals [92]. An
alternative method is needed that effectively reduces clutter while still being capable of
measuring high velocities.

1.5 This thesis
1.5.1 Aim
The aim of this thesis is to develop ultrasonic clinical tools that can quantify blood flow
to detect abnormalities. Accurate flow measurements need a full flow resolution in space
and time, and hence require the use of matrix transducers to capture the full volume of
tissue and vasculature, and resolve the flow velocity in three orthogonal directions. Yet,
matrix transducers are hampered in their utilization by several challenges depending on
the application, and two specific applications were chosen. For preterm-born baby brain
monitoring, the main challenges lie in designing an ASIC-integrated matrix that meets
all clinical requirements and achieving the necessary data reduction. For atherosclerosis
screening, the challenges include sensor-ASIC integration, developing a high-frame-rate
data acquisition scheme for the ASIC-integrated matrix including data processing for
volumetric flow quantification, and addressing the high side-lobe level of a sparse matrix.
Therefore, the objective of this thesis is to address these challenges and develop the neces-
sary technology to enable the use of ultrasound matrix transducers in quantifying blood
flow and detecting abnormalities for the two mentioned applications.

1.5.2 Outline
Chapters 2 to 4 focus on the design, characterization, and manufacturing of an ASIC-
integrated matrix, thereby tackling the first three challenges. Chapter 2 provides a
simplified and concise overview of the process to design a new ultrasound PZT-on-ASIC
matrix for monitoring of the preterm brain. The clinical requirements for this matrix, the
effect of acoustical design parameters and various electronic considerations are discussed.
Furthermore, a design for this matrix is proposed and the prototypes to verify this design
are discussed. Chapter 3 presents a second generation transceiver ASIC that reduced
switching artefacts present in the first generation. The pitch-matched high voltage switches
that switch between transmission and reception suffered from charge injection and clock
feedthrough causing parasitic transmissions and associated imaging artefacts. InChapter 4,
the same matrix is acoustically characterized. Furthermore, this chapter describes an
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interconnection layer that reduces the negative effects of an ASIC that is part of the
backing.

Chapters 5 and 6 focus on data reduction and data acquisition schemes. In Chap-
ter 5, a computationally efficient frequency domain two-stage beamforming approach is
presented for a polar geometry. This approach allows for significant data reduction in
the first stage, applied in-probe, and then generates a high-quality image by combining
the first-stage data. While the approach is verified with a phased array, it can also be
applied with matrix arrays. Chapter 6 evaluates an electronically translatable linear-array
imaging scheme in combination with the matrix used in Chapters 3 and 4 for high-frame-
rate carotid pulse wave imaging. The performance is evaluated both in simulations and
measurements on a static phantom.

In Chapters 7 and 8, the focus is on high-frame-rate volumetric vector flow imaging
using matrix arrays, aimed at applying these matrices in population monitoring of the
carotid artery. In Chapter 7, the same imaging scheme and transducer from Chapter 6 are
applied to this application, which requires an even higher frame rate. The performance is
directly evaluated based on the estimated velocities. Chapter 8 presents an alternative to
conventional image compounding and applies it to vector flow imaging. This approach cir-
cumvents the drawback of conventional compounding, which involves a trade-off between
image quality and the ability to measure high velocities. The performance is evaluated
using a sparse array and a simulated flow phantom.

Finally, Chapter 9 provides an overview of the results of this thesis, discussing how
well they addressed the various challenges associated with matrix arrays. Additionally, it
offers recommendations for future research to further tackle the remaining challenges.
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2.1 Introduction
Every year, more than 150 million babies are born worldwide. Of these 150 million, about
10% are born preterm [15], [16], which is defined as born before 37 weeks of gestation.
Over the years, the survival rates of preterms have improved significantly [16]. However,
preterms tend to suffer from health issues. Neuro-developmental problems are not uncom-
mon, especially in preterms born before 32 weeks of gestation [20], and this may lead to
further health issues during adulthood [17]. These issues are often connected to inadequate
brain perfusion, for example due to hemorrhages [22]. As the percentage of preterm births
increases every year worldwide [15], [16], improved care and monitoring to prevent and
treat brain injuries becomes of utmost importance.

In order to detect an abnormality in the brain early, it should be monitored via multiple
modalities. Standard monitoring includes monitoring of vital parameters and methods
like near-infrared spectroscopy (NIRS) and amplitude-integrated electroencephalography
(aEEG). However, they are inadequate for brain monitoring. Monitoring vital parameters,
e.g., blood pressure and oxygenation level, only provides a global overview of the health of
a preterm and therefore does not provide direct readings of changes in the brain. NIRS is a
non-invasive modality that can be used to monitor the oxygenation level in the brain for
prolonged periods [26]. However, it can only provide localized readings near the sensor of
the oxygenation. Furthermore, it is not robust enough to provide quantitative levels and
interpretation of the trend in oxygenation level cannot be done without other modalities
[26], [27]. aEEG is used to monitor electrical activity in the brain [93], [94]. This approach
enables the early detection of encephalopathy and epileptic seizures, which may arise
following changes in medication or post-operation [95], [96]. Disadvantages of aEEG
include that changes in blood flow are not always mirrored in the aEEG readings [28]
and that, similarly to NIRS, it does not provide information about areas not covered by
electrodes. Each of the modalities can thus only provide incomplete information about the
state of the brain. Furthermore, the readings might be difficult to interpret on their own.
Consequently, a solution is needed that integrates all monitoring modalities to provide
sufficient information [29]. However, even together, these modalities do not provide
sufficient information about the perfusion throughout the brain.

Cranial ultrasound could supplement the other modalities to provide a more complete
reading of the brain. It has the capability to monitor haemodynamic changes across the
entire brain and offer localized readings [32]. However, while ultrasound is already used
to image the brain manually, it is not generally included to constantly monitor the brain.
The transducers used for imaging are generally quite large, making integration with other
modalities difficult. While they can be made smaller, 3D imaging capabilities are also
necessary to image all points of interest and provide resilience against movement of the
probe and placement errors. A currently existing ultrasound device that can be used for
monitoring is the NeoDoppler [33], but it cannot provide 3D imaging as it consists of
a single element. Therefore, the development of a new ultrasound monitoring device is
necessary.

The MIFFY project, short for Monitoring Infant brain perFusion by trans-Fontanel
echographY, aims to develop a specialized 2D matrix array for monitoring the preterm
brain, as depicted in Figure 2.1. The envisioned final system proposes a wireless matrix
array designed to monitor the preterm brain through the anterior fontanel, which serves
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as an acoustic window to the brain. The matrix would be embedded within a wearable
patch together with other monitoring technologies and attached to infant’s head. New
data would be acquired every 10 minutes without the intervention of a sonographer and
transmitted wirelessly to a remote workstation. At the workstation, the volumetric data is
provided to facilitate proper diagnosis by clinicians. However, a full implementation of
the envisioned system is beyond the scope of the current project. Therefore, the focus is
on developing and manufacturing a proof-of-concept wired ultrasound matrix array that
meets most of the clinical requirements. In parallel, further research will be conducted into
the clinical case for brain monitoring using ultrasound [97].

There are different kinds of matrix arrays, and we decided to design one integrated with
an application-specific integrated circuit (ASIC) as it offers the highest level of adaptability
for a specific application. An ASIC directly below the elements allows for various ways of
channel reduction, such as micro-beamforming, multiplexing schemes, in-probe digitization,
on-chip pulsers, or a combination of these, depending on the unique requirements of the
application [70], [72]–[74], [98]. Additionally, amplifiers can be integrated into the ASIC
to amplify the signal close to the source and prevent signal loss, for example, due to
attenuation in the cable in wired systems [74], [98]. The combination of channel reduction
schemes employed depends on the clinical requirements, the acoustical effects, and the
space requirements of the underlying electronics. Therefore, the matrix must be designed
with careful consideration of all these aspects.

This chapter provides a simplified and concise overview of the process to design a
new ultrasound matrix array for monitoring of the preterm brain. Section 2.2 discusses
the clinical requirements to understand the essential functionalities needed for effective
monitoring. Section 2.3 investigates acoustical effects of the matrix parameters, such
as pitch, and electronic components that have an acoustical influence. Based on the
investigation, we derive values that align with the clinical requirements. Section 2.4
discusses various aspects in the electronics and ASIC design, such as the transmit electronics
and programming requirements. Section 2.5 proposes a matrix design that achieves most
of the clinical requirements, based on findings from the previous sections, Section 2.6
discusses the two prototypes to verify the proposed design and ASIC components. Finally,
Section 2.7 concludes this chapter.

MIFFY Matrix

Workstation

Figure 2.1: Final proposed mode of operation of the MIFFY matrix. On the left, preterm baby with a matrix
transducer on top of its head. On the right, a workstation monitored by the nurse. The data is transferred
wirelessly between the device and workstation.
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2.2 Clinical requirements
The main aim of the MIFFY matrix is to monitor the brain of a very preterm, born before 32
weeks of gestation, for the first 3 days of life. Among the critical concerns during this early
period are germinal matrix and/or intraventricular haemorrhages [19]–[21], which are
generally common during these 3 days and tends to rapidly escalate in severity. Therefore,
the device must at least be able to measure up to the depth of the ventricles and assess
the periventricular zone. This is essential to allow for early detection of haemorrhages,
enabling timely intervention to prevent further damage, or to prevent them entirely by
detecting changes in the brain that could indicate a high risk of haemorrhaging.

While monitoring the preterm brain for haemorrhages is the main aim, the probe could
also be used for other monitoring applications. Additional applications in preterms include
monitoring the brain after an infection, which is likely after prolonged hospitalization [99],
and monitoring treatment effects, for example, to help keep parameters like blood pressure
and oxygenation within bounds [100], [101]. For newborns in general, the brain can be
monitored after surgery for non-cardiac congenital anomalies as 50% end up with some
sort of brain injury [102], [103].

In the rest of this section, we will discuss the modalities that we plan to use for
monitoring, the required imaging volume, the aperture size, the resolution requirements of
the matrix and a small study about the attenuation in the preterm brain. At the end the
requirements are summarized in a table.

2.2.1 Modalities

To monitor the brain for changes we aim to use 3 modalities, which are illustrated in
Figure 2.2. First, the standard greyscale images to monitor for change in echo density. For
example, in Figure 2.3 the infarction causes a noticeable change in echo intensity in the
area marked by the circle. Second, Doppler imaging to visualize the vascular tree and
track alterations in blood flow. The focus is on smaller vessels with dimensions in the
order of 200 µm and with velocities lower than 10 cm/s. There are two main requirements
to be able to measure these small vessels. A high frame rate in the order of 1 kHz to be
able to distinguish small vessels from surrounding tissue [10] and a high frequency to
achieve a sufficient resolution. This modality provides an additional way of identifying
and monitoring infarctions, as depicted in Figure 2.3, where the right hemisphere has
significantly less perfusion after the infarction. Finally, elastography would allow for
measuring changing in stiffness of brain tissue. Dysfunction or changes in blood pressure
may give rise to changes in elasticity [105] and, therefore, elasticity measurement could
potentially enhance the diagnostic sensitivity [106]. Our aim is to measure the stiffness
passively using naturally occurring shear waves, a technique described by Catheline et
al. [107]. Unlike the other modalities, there is insufficient information about the naturally
occurring shear waves in the preterm brain and their associated velocities to arrive at
specific requirements for this method. However, based on the paper by Catheline et al. [107],
it is likely that a frame rate of 1 kHz is sufficient, which is the same as required for Doppler
imaging.



2.2. Clinical requirements

2

17

Figure 2.2: Modalities to be used with the MIFFY matrix.

Figure 2.3: Ultrasound image including an colour Doppler overlay of the vessels in the preterm brain before,
left, and after, right, a germinal matrix haemorrhage (GMH). The GMH caused a change in grayscale in the area
marked by the circle, and significant reduction in blood flow in the right hemisphere. Adapted from [104].

2.2.2 Imaging volume
There are two requirements for the imaging volume. First, the volume has to encompass
the periventricular zone. To get an estimate for the position of this zone, we determined
the width and depth of this zone in 41 preterms. This is a subset of the data obtained in a
study used to develop a novel scoring system to evaluate the quality of neonatal cerebral
ultrasound images [97, Chapter 2]. From the data, we estimated that the deepest part of
the ventricles extended to a depth of 3.0 ± 0.6 cm, while the width of the ventricles was
2.6 ± 0.5 cm achieved at a shallower depth of about 2 cm. We decided that the matrix should
be able to measure the majority of all preterms and decided that the mean plus standard
deviation was a good measure for this. The second requirement is to have a clear advantage
over 2D and cross-plane imaging. Therefore, we decided that the imaging volume has to
be pyramidal, like in Figure 2.2, with the same width in both lateral dimensions. Therefore,
the imaging volume will be pyramidal, extending up to a depth of 3.5 cm, and the required
width in both lateral dimensions is 3 cm at a depth of 2 cm.

2.2.3 Aperture size
The fontanelles of neonates provide an ideal acoustic window for ultrasound imaging, since
imaging through the skull introduces aberrations and reflects most of the signal [30], [31].
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We plan to use the anterior fontanel and therefore, the maximum size of the aperture is
limited by its size. The data in literature [108]–[110] shows that the fontanel size, defined as
the average of the length and width of the fontanel, varies widely between infants, ranging
from less than 1 cm to more than 6 cm. The width and length of the fontanel appear to be
similar at term [108]. We saw a similar result in the dataset used to estimate the imaging
volume, where the measured width was 1.8 ± 0.9 cm. We decided that we should have an
aperture size on the lower end of the measured sizes as imaging through bone is difficult
and to keep the number of elements limited. Furthermore, as there is no clear difference
between the length and width of the fontanel and there is no clear reason to have a better
image quality in one of the lateral dimensions, we decided that the aperture can be a square.
Therefore, we decided that the aperture should be a square with sides of 1.5 cm.

2.2.4 Resolution requirement
To determine the resolution requirements for our probe, we qualitatively investigated
Doppler images made with different centre frequencies using standard-of-care transducers
in the Neonatal Intensive Care Unit (NICU) in Utrecht. All images were acquired using
line-by-line imaging. In general, images made with a low frequency showed blood flow
deeper into the brain, but also only in the larger vessels. This aligns with the common
trade-off in ultrasound imaging: penetration depth versus resolution. Based on these
comparisons, we concluded that higher frequencies are preferable in general, but a centre
frequency of 8 MHz using line-by-line imaging is sufficient for the intended purpose.

2.2.5 Preterm brain attenuation
Limited research exists on the attenuation in the preterm brain. A study by Kremkau
et al. [111] suggests that the attenuation in the brain of an infant is approximately
0.33 dB/cm/MHz1.1, which is roughly three times lower than the attenuation observed
in an adult brain in the same study. However, as there was only one infant measured
and there is an absence of additional information on the attenuation in preterm or term
babies, a small clinical study was conducted to verify the previously mentioned value
[112]. In this study we used a clinical ultrasound machine, the Zonare ZS3 (Mindray
Medical International, Hoevelaken, Netherlands), with a high frequency linear probe
(L20-5) to image the brain of 3 preterms. The estimated attenuation ranged from 0.09
to 0.22 dB/(cm MHz). Although the number of estimates is limited, the investigation
suggested that the value determined by Kremkau et al. serves as a reasonable upper limit
for the attenuation in the preterm brain. Therefore, the attenuation value of the preterm
brain was assumed to be 0.33 dB/cm/MHz1.1.

2.3 Acoustical Design
To design a PZT-on-ASIC matrix transducer, there are various parameters to consider.
Some of these can be directly derived from the clinical requirements and limitations, which
are listed in Table 2.1. For other parameters, the effects they have on the image need to be
taken into account. These include the pitch, channel reduction, delay quantization, and the
transmit voltage. Additionally, the effect of high-frame-rate imaging should be considered,
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as it affects the resolution and, in turn, the required centre frequency. In this section, these
effects will be investigated.

Regarding the channel reduction, there are various ways to achieve it. In this section,
we will only discuss time-division multiplexing (TDM) and micro-beamforming (μBF) as
they affect the image quality. The other methods will be discussed in Section 2.4.2.

Table 2.1: Parameters derived from clinical requirements

Parameter Value Determined by

Aperture size 1.5 cm × 1.5 cm Fontanel size
Imaging volume Pyramid shape Germinal matrix
Maximum depth 3.5 cm Germinal matrix
Maximum width 3 cm at 2 cm depth Germinal matrix
Doppler velocity 10 cm/s Velocity in smaller vessels
Frame rate > 1 kHz Tissue Filtering
Attenuation 0.33 dB/cm/MHz1.1 [111] and own research
Resolution target Line-by-line imaging at 8 MHz Image comparisons
Monitoring interval 10 minutes -

2.3.1 Simulation Environment

Table 2.2: Simulation parameters

Parameter Value

Aperture size 1.5 cm
Centre frequency 10 MHz
Transmit pulse Sine modulated with a 3 cycle Hann
Tx apodization Tukey - 0.1 cosine fraction
Rx apodization Hamming
Kerf 20 µm
Angles 5: 0°, ±12° and ±24°
Simulation Dimension 2D

To investigate the effect of the acoustical parameters, simulations were done using
Field II [113], [114] with the settings listed in Table 2.2.

While a matrix array can make 3D images, it is not necessary to do 3D simulations to
investigate the effect of the parameters. There are two reasons for this. First, the clinical
requirements allow for a square matrix with the same parameters in each lateral direction.
Second, we assume that if a certain trend or threshold is visible in 2D simulations, it will
be similar or worse in 3D. Therefore, our simulations were done in 2D instead of 3D.

Matrix
The width of the 1D array used in the simulations was always about 1.5 cm. The pitch was
one of the parameters to be varied, so the value used is mentioned along with the results.
The kerf was always kept at 20 µm, the minimum that we are able to manufacture.
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The transmit pulse is a sine modulated with a 3-cycle Hann. The centre frequency is a
parameter under consideration. However, the centre frequency is fixed at 10 MHz in the
simulations. This is done as most other parameters affected by the centre frequency can be
scaled with the centre frequency if necessary.

In transmit, a Tukey window with a cosine fraction of 0.1 was used to reduce the effect
of edge waves while keeping the beam-width as wide as possible. In receive, a Hamming
window was used as apodization.

Phantom and metrics
In order to investigate the impact of different parameters on image quality, it is essential
to employ a standardized method for retrieving one or more metrics. Two commonly
used metrics are resolution and contrast-to-noise ratio (CNR). Both these metrics can be
investigated using a phantom such as the CIRS-040GSE (CIRS, Norfolk, VA, USA), which
is shown in Figure 2.4a. One issue with such a phantom is that the metrics can only be
retrieved at a limited number of locations that are not well spread. For instance, in this
phantom the CNR can be assessed at different depths using the hypoechoic cysts, but not
at different lateral locations. This issue could be circumvented by extracting the CNR in
different images taken at different positions, but we wanted a simpler process.

Therefore, to investigate the image quality we utilized the phantom shown in Figure 2.4b.
This phantom consists of an array of point scatterers, spaced at 1 mm intervals. To extract
image quality metrics, we initially subdivide the image into 1 mm × 1 mm squares, each
centred around a point scatterer. Now, the image quality metrics can be obtained using a
single image and at 1 mm intervals.

In this chapter, the only image metric that we consider is the signal-to-clutter ratio
(SCR). This metric is similar to the CNR, i.e. a high SCR implies a high CNR. However, due
to lack of hypo-echoic cysts in the phantom, calculating the CNR is not possible. The SCR
is defined as

𝑆𝐶𝑅 =
𝑆𝑝
𝑆𝑚

, (2.1)

where 𝑆𝑝 is the peak amplitude and 𝑆𝑚 the mean in a rectangular region around the point
scatterer. A higher value for the SCR is better, but otherwise interpreting the value on its
own is difficult. Therefore, we compare the SCR values to a baseline or look at the trend.

For the SCR numbers that we present, we always only calculate the SCR within the
region illuminated by the transmitted plane waves, between a depth of 5 mm and 40 mm,
within ±15 mm lateral and within ±24° as defined from the outer edges of the transducer.

Measuring resolution is also possible. However, in general, (lateral) resolution and the
SCR tend to worsen in tandem. Furthermore, in the image reconstruction, the amount
of clutter can be a trade-off against the achievable resolution. Therefore, to simplify the
investigation, we ignore this metric.

Compounding angles
To image a 2D slice of the volume determined in the clinical requirements, at least 3 angles
are required: 0° and ±∠21. In 3D this translates to a minimum of 9 angles. Ideally, as many
transmit angles as possible are wanted to achieve the highest resolution and image quality.
However, as will become clear during Section 2.3.5, there is not much time available for
compounding at all. Therefore, we minimized the number of angles.
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(a) (b)

Figure 2.4: (a) Layout of the CIRS 040-GSE tissue phantom [115]. (b) Phantom with point scatterers spaced by
1 mm in both directions. In the squares centred at each scatterer the local resolution and Signal-to-Clutter ratio
(SCR) can be calculated

For the results in this chapter we increased the number of angles to 5 per direction:
∠0, ±∠12 and ±∠24. The maximum angle has been increased as a limited size matrix will
not transmit a perfect plane wave. The width of the plane wave becomes narrower deeper
into the medium due to the natural focusing of the transducer. A slightly wider angle
compensates this. Because of this however, the same problem that we wanted to prevent
now appears between the 0° and 24° plane waves as well, so we also added ±∠12.

Beamforming
Beamforming was performed using Delay-And-Sum (DAS). In every simulation, all elements
were used in reception. This choice worsens the amount of clutter but generally results in
the highest lateral resolution.

2.3.2 Centre frequency
The target lateral resolution for our matrix was achieved at 8 MHz and line-by-line imaging.
However, with high-frame rate imaging the focusing in transmit is absent and, therefore,
the lateral resolution is lower. Table 2.3 shows the lateral resolution achieved with and
without transmit focusing for different frequencies. To achieve the same lateral resolution
as with line-by-line imaging at 8 MHz, the plane wave image would have to be made with
a centre frequency of 11 MHz. Such a high frequency would also imply a small pitch, and
whether that can be achieved will be further investigated in the next subsection.

Table 2.3: Resolution in degrees for different frequencies derived from the array directivity.

8 MHz 9 MHz 10 MHz 11 MHz 12 MHz

Focused 0.59 0.53 0.47 0.43 0.39
Plane Wave 0.82 0.73 0.65 0.59 0.54
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2.3.3 Pitch
Introduction
An element pitch larger than half a wavelength introduces grating lobes [1]. In general, the
pitch is compared to a wavelength (𝜆𝑐) corresponding to the centre frequency. While with a
0.5 𝜆c pitch, there are no grating lobes for the centre frequency, there might be grating lobes
for the higher frequencies present in the signal. For example, for a 10 MHz sine modulated
with a 3 cycle Hann, the −6 dB bandwidth reaches 13 MHz, which corresponds to a pitch
of 0.65 𝜆. However, whether those grating lobes significantly degrade the image quality
depends on the signal bandwidth, the maximum steering angle used and the imaging
method, e.g. line-by-line or plane wave.

Two types of commonly used 1D arrays are the phased and linear array [1], [2]. A
phased array has a relatively small footprint so that it, for example, can image the heart
through the space between the ribs. The pitch is generally 0.5 𝜆c so that it can achieve
high steering angles without having grating lobes severely degrading the image quality.
A linear array has a larger footprint and generally has an array pitch around 𝜆c. A linear
array is generally only used to image the region in front of the transducer. This allows
the steering angle to be kept small and limits the effect of grating lobes. Therefore, as the
required imaging volume extends beyond the array, we require something akin to a phased
array pitch.

Ideally, our array would thus have a pitch of 0.5 𝜆c. However, a 0.5 𝜆c pitch at 11 MHz
equals 70 µm and that is significantly smaller than the pitch of any matrix that we have
constructed before. We think it is feasible to manufacture an array with a pitch of 100 µm,
but for a centre frequency of 11 MHz, which is required to hit our resolution target array,
the pitch would correspond to about 0.7 𝜆c. With this pitch we can expect grating lobes
to affect the image, but we are not certain how much. Therefore, here we will investigate
the effect of pitch on image quality and determine what we think is the maximum pitch
possible.

Effect on image
As the effect of a large pitch is most easily seen at large steering angles, we first look at
the resulting images using 0.5 𝜆c and 𝜆c pitch probes, with the transmit beam steered at
an angle of 30°. In Figure 2.5 the beamformed image (a) and the corresponding SCR (b)
using a 0.5 𝜆c pitch probe are shown. Within the transmit beam, indicated by the white
lines, the SCR starts off high close to the probe and then slowly drops off further away.
The main contributing factor is the lower lateral resolution further away from the probe.
Additionally, at the edges the SCR degrades faster as the width of the transmitted plane
wave decreases due to the natural focus of the probe. Outside the transmit beam, the
scatterers are mostly invisible and the SCR is low as they are not illuminated. As mentioned
before, even a probe with a 0.5 𝜆 pitch has some grating lobes due to the higher frequencies
within the signal. These are visible in the top left of Figure 2.5a.

When the pitch is doubled to 𝜆c the situation changes significantly as can be seen in
Figure 2.6. While the resolution has not changed, the clutter has increased to a level that
obscures the point scatterers to the eye due to the higher grating lobe level. The resulting
SCR is about 15 dB to 20 dB lower as compared to the 0.5 𝜆c pitch probe, as is visible in
Figure 2.6b. The largest difference is at the rightmost side of the image where the receive



2.3. Acoustical Design

2

23

(a) (b)

Figure 2.5: Gray scale, in (a), and the SCR, in (b), image of a 0.5 𝜆 probe with a plane wave transmitted at 30°. The
white lines indicate the width of a plane wave steered at 30°

(a) (b)

Figure 2.6: Gray scale, in (a), and the SCR, in (b), image of a 1 𝜆 probe with a plane wave transmitted at 30°. The
white lines indicate the width of a plane wave steered at 30°

steering angle is largest. Additionally, the grating lobes also clearly show up on the left
side of Figure 2.6a. Even though this area will not be used for imaging, it clearly shows the
effect that increasing the pitch has on the image.

Effect on SCR
In Figure 2.7a the SCR is plotted for a pitch ranging between 0.5 and 𝜆c. Instead of a single
transmit angle, as in the cases before, we used ∠0, ±∠12 and ±∠24 to image the whole
region of interest and calculate the SCR there. For a pitch of 0.5 𝜆c and lower there is hardly
any difference. There is a very minor decrease with increasing pitch that is caused by
grating lobes of frequencies higher than the centre frequency. For a pitch larger than 0.5 𝜆c
the SCR drops considerably with each step. Even when the maximum required steering
angle is only ±∠24, a pitch of 0.6 𝜆c already causes a visible worsening in all metrics.

To show that the maximum steering angle affects the drop-off point, we also calculated
the SCR with the angles ∠0 and ±∠12 in the region illuminated by those angles. The result
in Figure 2.7b shows that the drop-off starts at 0.7 𝜆c instead of 0.6 𝜆c. As expected, if
smaller steering angles are required, the pitch could be made larger.
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(a) (b)

Figure 2.7: A boxplot of the SCR for a varying pitch. In (a) the used angles are 0, ±12° and ±24°, and in (b) only 0
and ±12° are used.

As mentioned before, to achieve a 100 µm pitch at 11 MHz a pitch of 0.7 𝜆c is required,
but a pitch larger than 0.5 𝜆c worsens the image quality. Therefore, we decided to compro-
mise on resolution and image quality by selecting a pitch of 0.6 𝜆c and a centre frequency
of 9.2 MHz.

2.3.4 Micro-beamforming
Introduction
Micro-beamforming (μBF) [70], [75], [116], [117] modifies the DAS receive beamforming
process, as shown in Figure 2.8a, to reduce the number of channels. This is achieved by
splitting the beamforming delays into two parts: a fine delay applied at the transducer and
a coarser delay applied within the ultrasound system, as illustrated in Figure 2.8b. This
method allows the signals from a μBF sub-array to be combined into a single signal. In the
figure, the sub-array size is 4, resulting in a fourfold reduction in the number of channels.
However, it is important to note that μBF impacts the image quality.

Investigation
The situation illustrated in Figure 2.8 depicts an ideal scenario where there is no difference
in the final result. The delays are exact, resulting in no variation in the final signal. However,
this is not always the case, as shown in Figure 2.9, which presents the SCR for no μBF ,
μBF 2, and μBF 3. Further from the transducer and closer to the center, the differences
in SCR are minimal, but otherwise, the SCR is significantly worse. There are two main
reasons for this. First, the flat wavefront shown in Figure 2.8 is only valid for regions
further from the probe. The closer the region is to the probe, the greater the curvature.
Therefore, the combined delays of the on-chip and off-chip beamformers are not exact for
all regions. Second, the combined signals from the sub-arrays effectively form an array
with larger elements in receive. These larger elements are more directive and provide worse
performance when large steering angles are used, as discussed in Section 2.3.3. These two
effects combined result in lower SCR near the probe and towards the lateral edges of the
domain. The increased clutter from using μBF could be mitigated by limiting the number
of elements used for image reconstruction. However, this would lead to a reduction in
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Figure 2.8: Illustration of the μBF concept. (a) Beamforming process employing DAS. (b) μBF process employing
two-step DAS. Adapted from [73]

Figure 2.9: SCR for no μBF (left), μBF 2 (middle) and μBF 3 (right). The transducer has a 0.6 𝜆c pitch.

resolution due to the smaller aperture. Consequently, μBF will worsen the image quality
regardless.

For the monitoring application, imaging near the probe is essential, and a wide imaging
volume per pulse-echo is preferred to reduce the number of shots needed to reconstruct
the entire imaging volume, thereby limiting the amount of data. Therefore, these results
indicate that the extent of μBF should be minimized.

2.3.5 Time division multiplexing
Introduction
Another way to achieve a channel reduction is by time division multiplexing (TDM) [118].
There are two ways to apply TDM. By applying it at the input, only a subset of the elements
is read out each pulse-echo event, thereby requiring multiple shots to read out all elements
and reducing frame rate. By applying TDM at the output, i.e., after the Rx electronics, it
allows multiple channels to share a single output by dedicating a separate time slot at the
cost of a reduced SNR due to interference [119]. We will apply TDM at the input as we
plan to digitize the signals at the output of the Rx electronics.

The maximum possible amount of time multiplexing depends on two factors: The
maximum imaging depth sets the maximum possible pulse repetition frequency (PRF),
and the blood and tissue velocities together with the centre frequency of the transducer
determine the minimum required PRF. The maximum possible time multiplexing is simply
the PRF divided by the required frame rate.
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Investigation
As described in Section 2.2, the maximum imaging depth for the MIFFY project is 3.5 cm.
This results in a maximum possible pulse repetition frequency of 22 kHz.

To derive the minimum required frame rate we can rewrite eq. (10.4) from [2] into

FR𝑚𝑖𝑛 =
4𝑣𝑚𝑎𝑥 cos𝜃𝑓𝑐

𝑐0
, (2.2)

where FR is the frame rate, 𝑣𝑚𝑎𝑥 the maximum velocity to be measured, 𝜃 the angle between
the beam and the flow direction, 𝑓𝑐 the centre frequency and 𝑐0 the speed of sound. Using
our desired 10 cm/s, a centre frequency of 9.2 MHz and a beam-to-flow angle of 0°, a
worst-case scenario for the angle, the minimum FR would be about 2.4 kHz.

The maximum PRF of 22 kHz and the minimum required frame rate of 2.4 kHz result in
a maximum time multiplexing factor of 9 to make a single image.

Doppler De-Aliasing
If the maximum multiplexing factor would be necessary to achieve the required channel
reduction, there is no room for any compounding. However, there are methods that allow
to increase the maximum measurable velocity. For example, the method by Posada et
al. [120] varies the PRF to achieve velocity estimates with a different aliasing limit and
combines them to de-alias the final estimate. Another method by Porée et al. [121] does
something similar, but instead of varying the PRF, the estimates are made from a different
frequency band in the same data. These methods could at least double the aliasing velocity,
and possibly even triple it. This would then allow using 2 or 3 compounding angles to
improve the image quality.

Motion Artefacts
A possible issue with TDM is the appearance of motion artefacts as a single image is
constructed from several pulse-echo events at different time. They could severely impact
the resulting image and flow estimation, but motion compensation methods also exist to
mitigate this. An example of such a method is the one by Porée et al. [122]. They use
a specialized transmit sequence where multiple images acquired with different transmit
angles are used to compensate for motion. Because that effectively reduces the frame rate, it
is not an option for us. However, another method by Jorgensen et al. [123] uses an iterative
scheme where the estimated velocities of the previous estimate are used to compensate
for the motion. This iterative scheme quickly converges and reduces the estimation errors
significantly. Motion artefacts are thus not expected to be a problem.

2.3.6 Delay quantization
Introduction
A channel reduction in transmit is necessary as well, just as it is in receive. This can be
achieved by employing on-chip pulsers to generate the transmit wave for each element.
However, space constraints pose a challenge in providing the same functionality as 1D
arrays in transmission, such as arbitrary waveform generation and independent delays
for each channel. Specifically, achieving arbitrary transmit delays within the confines of
on-chip space may be unfeasible. Here, our focus will be on the transmit delays.
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Figure 2.10: (a) The exact delay and a delay quantized at 2𝑓𝑐, together with the delay error for the quantized delay
for a steered plane wave. (b) A comparison of the exact and quantized delays for a positive and negative angled
plane wave.

On-chip pulsers still offer the possibility of creating an arbitrary delay profile, albeit
potentially with coarser quantization. Early research in the 1980s already investigated the
effects of delay quantization for pulsed waves due to hardware limitations at the time [124],
[125]. Although technological capabilities improved subsequently, the issue resurfaced
with the demand for miniaturization in ASIC design [126] and the development of low-cost
ultrasound devices [75], [127], [128].

Studies indicate that quantization errors have a lesser impact on pulsed signals compared
to continuous ones, owing to the short overlap between pulses from different elements [125].
Moreover, research suggests that relatively coarse quantization already yields comparable
results [127], [129], albeit with performance clearly varying depending on the specific
scenario. Therefore, we will analyze the effect of delay quantization for our situation.

Setup
We will quantize the delays as an integer multiple of the centre frequency. A delay
quantization of 𝑁𝑓𝑐, where 𝑓𝑐 is the centre frequency, would allow for delays every 1/𝑁
periods. An example of this quantization level is shown in Figure 2.10a for a steered plane
wave. By defining the quantization with respect to the centre frequency, the results in this
subsection are also applicable to transducers with a different centre frequency.

In this section, we will not use any delay quantization in receive. While the delays in a
μBF group might also be quantized, the negative effects of quantization are expected to be
significantly lower due to the small number of elements in a μBF group.

Transmit beam
The effect on a 30° plane wave for two different quantization levels is shown in Figure 2.11
where the peak amplitude, in (a), and the energy, in (b), at each position are plotted. There
are two main differences between the exact delays and the 2𝑓𝑐 quantization.

First, there is less energy transmitted into the wanted direction. The peak amplitude
is lower in Figure 2.11a for 2𝑓𝑐 quantization and in Figure 2.11b it is visible that more
energy is transmitted into the opposite direction. While for the exact delays there are
some grating lobes, for 2𝑓𝑐 quantization there also appears to be a transmission at −30°
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(a) (b)

Figure 2.11: (a) Peak amplitude and (b) energy at each position for a transducer of 0.6 𝜆 pitch transmitting a plane
wave at 30° for two different quantization levels. The white dashed lines indicate the width of a plane wave at 30°
and the blue dashed lines indicate one at −30°. Every sub-figure is separately normalized.

with more or less the same width of the array. This can be seen as an additional grating
lobe as the quantized delays effectively create larger elements, i.e. all elements with the
same delay in Figure 2.10a can be seen as a single element. However, this does not explain
why this grating lobe appears at −30°. That specific angle can be explained by considering
Figure 2.10b, where the delays for a positive and negatively angled plane wave are shown,
and noting that for a continuous wave half and whole period delays are equal to a delay
of 0 and 0.5 periods, respectively. Therefore, the delays for a continuous plane wave at
±30° and all other angles are equal. However, because we use pulsed waves, only parts of
the transmitted pulse interfere at −30° and the effect is just an increased amount of energy
transmitted in that direction. For the image, this will reduce the maximum imaging depth
and increase the amount of clutter.

The second main difference is a larger variability in amplitude, especially near the
probe. This is because subsequent groups of elements have a delay that is out-of-phase
by a half period, which causes destructive interference. Further away the effect is less
pronounced, but still visible. This effect on its own will mainly be visible as additional
amplitude variations in the image.

SCR
The results in Figure 2.12 show the effect of the SCR for quantization between 0, i.e. no
quantization, and 16, and an element pitch of 0.5 𝜆 and 0.6 𝜆. For both, the SCR with 2𝑓𝑐
is significantly lower than without quantization with a 7 dB and 8 dB lower median for a
pitch of 0.5 𝜆 and 0.6 𝜆 respectively. However, there are two main differences. First, the
highest achieved SCR is different as with 0.6 𝜆 there are additional grating lobes. Second,
the SCR appears to recover more slowly with increasing quantization for 0.5 𝜆. We are
not sure why, but it does indicate that the effects of the quantization are very situation
dependent as is also seen in literature.

The results thus show that the exact performance is very situation dependent and
there can be still some visible effects up to a quantization of 16𝑓𝑐. Choosing a specific
minimum requirement is therefore difficult. However, the difference between subsequent
levels becomes progressively smaller with increasing quantization level while the system
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(a) (b)

Figure 2.12: SCR for quantizations between 0, i.e. no quantization, and 16 levels. In (a) for a transducer with a
0.5 𝜆 pitch and in (b) with a pitch of 0.6 𝜆.

complexity becomes progressively larger. Therefore, we decided that the quantization level
should be 6𝑓𝑐.

2.3.7 Maximum Tx Voltage
The maximum achievable transmit voltage depends upon both the piezo material and the
accompanying electronics. Here, we primarily address the former aspect. A very safe
upper limit for the electric field strength is 300 V/mm [130], but the exact value varies
depending on the specific materials employed and whether the pulse is uni- or bi-polar.
Considering this limit, and assuming a 𝜆/4 oscillation mode for the PZT (i.e., utilizing a
hard backing material), a speed of sound of approximately 3500 m/s [131], and a centre
frequency of 9.2 MHz, we can estimate a maximum voltage of about 28 V.

This estimation falls below voltages achieved in our previous work with other matrices
[132], [133], albeit those matrices feature larger pitch and varying functionality. Conse-
quently, achieving the desired voltage level should be feasible for our current application.

2.4 Electronics and ASIC Design
With the clinical requirements set and the investigation into the acoustical effects of various
parameters completed, it is now time to dive into the Electronics and ASIC Design. In
this section, the transmit electronics, the required channel reduction, requirements for
wirelessness, ASIC tiling, programming requirements, and time-gain compensation will be
discussed.

2.4.1 Transmit Electronics
In general, the transmit electronics of an ASIC are typically bulkier compared to the receive
electronics due to the need for sufficient isolation to handle high voltages. The exact space
requirements depend on the transmit capabilities. Based on clinical requirements and
acoustical design considerations, the necessary transmit capabilities are as follows: A delay
quantization of at least 6 fcfc to keep the clutter low, a fully functional delay profile to
image the whole pyramidal region, a small footprint to fit below the 100 µm2 pitch elements,
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and a maximum transmit voltage of 28 V. While an arbitrary waveform is not mandatory,
the ability to vary the pulse length will aid in optimizing axial resolution and penetration
depth.

In the event that achieving all requirements for a prototype within a 100 µm × 100 µm
pitch is not feasible, the prototypes at least have to show that the design fits the clinical
requirements. Therefore, achieving the delay requirements, i.e., a fully functional delay
profile with sufficient quantization, is strictly necessary. If this cannot be accomplished
with the desired pitch, we determined that the pitch should be increased.

2.4.2 Channel reduction requirements
With our target centre frequency of 9.2 MHz and a pitch of 0.6 𝜆c, a square matrix with
sides of 1.5 cm would require more than 20 000 elements, which is impractical to handle
with existing technology. To address this, various methods for channel reduction can be
used. We plan to employ a combination of on-chip digitization, time-division multiplexing
(TDM), and μBF to achieve a reduction of 128 channels, thereby bringing the total number
of Rx channels below 200.

On-chip digitization is anticipated to achieve a fourfold channel reduction, similar to
designs as reported in previous works [133], [134]. The remaining 32-fold reduction should
thus be achieved through a combination of TDM and μBF . The analysis indicated that
minimizing the number of μBF units is crucial and that the maximum TDM achievable is 9.
Therefore, we have opted for a 2×2 μBF and an 8-fold TDM strategy.

2.4.3 Wirelessness
To enable implementation in a wearable cap, the matrix ideally needs to operate wirelessly,
necessitating additional components alongside the ASIC integrated matrix itself [135].
Apart from the matrix, the system architecture of the envisioned wearable ultrasound
patch would include an FPGA to control all components and potentially post-process the
measured data, a power management module to regulate and control the power supply in
the system, a WIFI module for wireless data transfer, memory units for temporary storage
of measured data before transfer, and, of course, a battery. The challenge of incorporating
all these components within a compact wearable cap imposes strict requirements on the
entire device, which have been deemed unattainable within the scope of this project. Hence,
our focus has been on meeting clinical requirements with minimal cabling between the
probe and mainframe, as well as reducing space and power requirements for all components
on the ASIC. Subsequent development efforts could then concentrate on realizing a fully
wireless solution.

2.4.4 Tiling
Manufacturing a single large ASIC can be very expensive [136]. To mitigate this, a tiled
approach can be employed, wherein multiple smaller ASICs are positioned adjacent to
each other to form a larger aperture. This approach has been utilized, for instance, by dos
Santos et al. [98], where the full matrix comprises 10 identical ASIC tiles. A similar strategy
could also be applied to the MIFFY matrix. However, at present, this is a consideration to
be addressed later, as the prototypes we plan to develop during this project are sufficiently
small.
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2.4.5 Programming requirements
For high-frame-rate imaging, either the chip has to be quickly re-programmed during
or in between the pulse-echo events, or have sufficient pre-programming capability. Re-
programming the chip every time requires a sufficiently high clock frequency, while pre-
programming requires extra space on-chip. As space is at a premium, we deemed having
sufficient pre-programming capabilities out of reach and opted for quick re-programming.
Here we discuss the requirements for that.

For the delays in both transmit and receive, the amount of required memory per element
is determined by the relative delay times between neighbouring elements [133]. Using
relative delays instead of absolute delays can reduce the memory bits required by an order
of magnitude. Assuming a maximum plane wave steering angle of 24°, a 100 µm pitch, a
quantization frequency of 6 times 9.2 MHz, which is the centre frequency, 2 bits would
be sufficient to program the delays in transmit. Therefore, 2 bits per element would be
sufficient to program the delays in transmit and receive.

In receive, in addition to the 2 bits to program the delays, the TDM sub-group also has
to be selected. As there are 8, 3 bits per group are sufficient. Therefore, each element would
effectively require 2.375 bits to program the chip in receive.

Combining both, if a 15 mm × 15 mm aperture is used, 98 438 bits are required for
programming. These bits would need to be re-programmed within 50 µs at most, which
is the time for a single pulse-echo event. Therefore, a 2 GHz clock would be needed to
program all bits within a pulse-echo event, assuming all elements are programmed via a
single data channel. Clock speeds in the order of 1 GHz are not uncommon [137], and if
necessary, parts of the matrix could be programmed in parallel. Re-programming the chip
each pulse-echo event would therefore be feasible, even if additional bits are required.

2.4.6 Time-gain compensation
Direct connection of the matrix elements to the imaging system would result in a large
loss of signal [60], [63]. Therefore, the signals have to be amplified on the ASIC itself. This
poses a challenge as there is a high difference between the lowest and highest amplitude of
the received signals, also referred to as the dynamic range (DR). This has two main reasons.
First, the signal from blood is approximately 40 to 60 dB [76] lower than tissue. Second,
the signals are attenuated depending on the depth and frequency. In our case, the expected
attenuation value is about 0.33 dB/cm/MHz1.1 [111], which results in an attenuation of
about 28 dB. This means that the overall dynamic range requirement for the receiver is at
least 88 dB to capture all signals.

Achieving a high dynamic range for a wideband signal results in challenges to the
circuit design and leads to a power-hungry ADC. The requirements can be reduced by
applying time-gain compensation (TGC) to adjust the gain as a function of time to counter-
act the depth dependant attenuation as illustrated in Figure 2.13. This would reduce the
DR for the ADC to 40 dB.

In previous designs from our group, the TGC was implemented as discrete gain steps
[71], [98], [139]. However, this leads to artefacts when switching gain levels [139, Fig. 15].
Therefore, our aim is to implement a continuously variable TGC.
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Figure 2.13: (a) Block diagram of the AFE with TGC function followed by an ADC. (b) Input and output signals of
the AFE with TGC function. (c) Evolution of DR as a function of time with TGC function. From [138]

2.5 MIFFY Matrix Proposal
In Table 2.4 we list the “ideal” matrix parameters, which describe the values necessary to
strictly adhere to the clinical requirements or the best possible value that can be achieved,
and the parameters we think are feasible to achieve after our investigation. As these
parameters were decided before any prototypes have been built and tested, they are still
subject to change depending on the results obtained with the prototypes.

The main difference between the ideal and proposed parameters is the achieved pitch
and centre frequency. An element size of 70 µm would represent 0.5 𝜆c at 11 MHz, but it is
smaller than that we can currently manufacture in-house. Additionally, this pitch would
also not provide enough space for the pitch-matched electronics. Therefore, a larger pitch
is necessary.

We decided that the minimum feasible pitch to manufacture would be 100 µm based on
the yield of previous manufactured prototypes with a larger pitch. As a pitch larger than
0.5 𝜆c would result in increased clutter due to grating lobes, as shown in Section 2.3.3, we
also lowered the centre frequency to 9.2 MHz. This is a compromise between resolution
and artefacts as this corresponds to 0.6 𝜆c.
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2.6 Prototypes
To verify the design as proposed in the last section, we have realized two prototypes during
the project. They are summarized in Table 2.5 and are discussed further below.

Table 2.5: Parameters of the realized prototypes

MIFFY0 MIFFY1

Centre Frequency 10 MHz 9 MHz
Pitch 100 µm / 0.65 𝜆 125 µm / 0.73 𝜆
Elements 8x8 16x16
Tileable No No
μBF 2×2 2×2
Time-multiplexing 8 8
Rx output Direct - No reduction PAM-16 - 4-fold reduction
TX voltage 36 V 20 V
Tx strategy Rows Element level
Delay Quantization 8𝑓𝑐 8𝑓𝑐

2.6.1 Prototype 1
The aim of the first prototype was to test the analog front-end [138], which includes a low
noise amplifier with a continuously variable gain level of 36 dB, and a novel μBF architecture
[73], which has a smaller footprint than other architectures. The prototype only allowed
for separate transmit signals on each row. An overview of this prototype is shown in
Figure 2.14.

Acoustic Measurements
Figure 2.15 compares the received signal with and without TGC enabled. The input was a
pulse train with a decay rate of 0.4 dB/(cm MHz), resulting in a 36 dB amplitude difference
over 60 µs. As shown, without TGC the signal visibly decays and drops below noise level,
while with TGC enabled the output is more or less constant, with variations smaller than
±0.36 dB. This indicates that the TGC is working as expected. In Figure 2.16 the imaging
setup and B-mode image in elevation plane of 3 needles at 6, 8 and 10 mm depth are shown.
Even with the small aperture of 0.8 mm × 0.8 mm and no image compounding the needle
positions are clearly visible. As expected, the needles have visible grating lobes due to the
relatively large pitch as compared to the wavelength.

Manufacturing and ASIC design issues
During manufacturing of the acoustic stack of this prototype we ran into various issues
due to the small pitch. We therefore initially decided to increase the pitch further to
115 µm. After further design of the next prototype, another increase in pitch to 125 µm was
necessary to allow for the wanted transmit capabilities. With the current manufacturing
process of the ASIC, a 180 nm BCD process, it was deemed impossible to achieve all design
targets. For the future, this implies that further ASIC development is required and/or the
design has to be modified to achieve the current clinical requirements.
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Figure 2.14: (a) Micrograph of the first prototype ASIC. (b) Inset showing the peripheral TX circuitry. (c) Inset
showing the element-level TX/RX circuitry. (d) ASIC with PZT array built on top. From [73]

Figure 2.15: (a) Uncompensated ASIC output with the TGC function disabled. (b) Compensated ASIC output with
the TGC function enabled. From [138]

2.6.2 Prototype 2
The second prototype [140] contains more elements, includes full transmit capabilities, has
an analog-to-digital converter (ADC) and concatenates the output of 4 ADCs into 1 digital
output channel. The pitch was also increased to 125 µm, to ensure enough space for all
pitch-matched components, and the centre frequency has been reduced from 10 to 9 MHz.
An overview of this prototype is shown in Figure 2.17.

Acoustic Results
With the new prototype a similar imaging experiment was done. The resulting image and
imaging setup can be seen in Figure 2.18. Unlike the image in Figure 2.16, this image was
created by combining 25 different steering angles.

There are three notable differences between Figure 2.16 and Figure 2.18. First, the
resolution is better due to the wider aperture and the use of compounding. Second, the
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side-lobes are absent, even with the higher dynamic range of the newer image. This is also
caused by the use of compounding. Finally, there is a significant amount of reverberations
visible behind the needles that were absent before. The acoustic stack used for this probe
was not adapted to the used centre frequency, causing severe ringing.

Figure 2.16: (a) Setup for imaging experiment. (b) B-mode image using the first prototype showing the position
of the needles. From [138]

Figure 2.17: (a) Micrograph of the second prototype ASIC. A pitch-matched and a peripheral region are indicated.
(b) Inset showing the pitch-matched TX/RX circuitry of 8 μBF sub-arrays of 2 × 2 elements. (c) ASIC with PZT
array built on top. From [140]
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Figure 2.18: (a) B-mode images using the second prototype in elevation and azimuth planes. The primary echo
and artefacts behind are indicated for the second needle. (b) Rendered 3-D image. (c) B-mode imaging experiment
setup. From [140].

2.7 Conclusion
In this chapter we described a process to design a new ASIC integrated ultrasound matrix
array specifically for monitoring of the preterm brain. We presented the clinical require-
ments, investigated the acoustical effects of the matrix parameters discussed a part of the
electronics and ASIC design, proposed a design that fits most of the clinical requirements,
and, finally, presented and discussed two prototypes to verify the proposed design and
ASIC components are discussed. While the two prototypes do partly validate key con-
cepts crucial for the eventual implementation of the final matrix, they also showed that
achieving the proposed design will require further development or changes to the design
itself. Therefore, the presented research is a good starting point for further research and
development towards a novel ultrasound monitoring device of the preterm brain.
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3
Design of an Ultrasound
Transceiver ASIC with a

Switching-Artifact Reduction
Technique for 3D Carotid Artery

Imaging

This paper presents an ultrasound transceiver application-specific integrated circuit (ASIC)
directly integrated with an array of 12x80 piezoelectric transducer elements to enable next-
generation ultrasound probes for 3D carotid artery imaging. The ASIC, implemented in a
0.18 µm high-voltage Bipolar-CMOS-DMOS (HV BCD) process, adopted a programmable
switch matrix that allowed selected transducer elements in each row to be connected to
a transmit and receive channel of an imaging system. This made the probe operate like
an electronically translatable linear array, allowing large-aperture matrix arrays to be
interfaced with a manageable number of system channels. This paper presents a second-
generation ASIC that employed an improved switch design to minimize clock feedthrough
and charge-injection effects of high-voltage metal–oxide–semiconductor field-effect transis-
tors (HV MOSFETs), which in the first-generation ASIC caused parasitic transmissions and
associated imaging artifacts. The proposed switch controller, implemented with cascaded
non-overlapping clock generators, generated control signals with improved timing to miti-
gate the effects of these non-idealities. Both simulation results and electrical measurements
showed a 20 dB reduction of the switching artifacts. In addition, an acoustic pulse-echo
measurement successfully demonstrated a 20 dB reduction of imaging artifacts.

This chapter has been published as:
T. Kim, F. Fool, D. S. dos Santos, Z.-Y. Chang, E. Noothout, H. J. Vos, J. G. Bosch, M. D. Verweij, N. de Jong, and
M. A. P. Pertijs, “Design of an ultrasound transceiver asic with a switching-artifact reduction technique for 3D
carotid artery imaging,” Sensors, 2021, doi: 10.3390/s21010150
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3.1 Introduction
Real-time 3D ultrasound imaging is an essential technique for the accurate assessment
of carotid artery disease by measuring blood flow, plaque deformation, and pulse wave
velocity [59], [88], [89], [141]. To realize this, the next generation of ultrasound probes
require matrix transducer arrays with thousands of elements to cover a sufficiently large
aperture (>400 mm2). It is possible to build a matrix array with such a high number of
elements, but making electrical connections to all the elements is highly challenging since
conventional imaging systems have a limited number of channels. This issue can be
addressed by integrating application-specific integrated circuits (ASICs) into the probe
to reduce the number of electrical connections via cables to the imaging system. Various
approaches to interface such large-aperture matrix transducer arrays using a reduced
number of cables have been reported, such as receive sub-array beamforming [70], [74],
[142], [143], programmable high-voltage (HV) pulsers [144]–[149], switch matrices [150],
[151], row-by-row scanning schemes [146], [148], and row- or column-parallel connection
schemes [147].

We previously reported a first-generation transceiver ASIC with a row-level architecture
for both receive (RX) and transmit (TX) channels [71]. This ASIC consists of 24x40 element-
level HV switches and control logic that allows selected transducer elements in each
row to be connected to a TX and RX channel of an imaging system. The element-level
circuits are laid out in a pitch-matched fashion and connect directly via bondpads to
transducer elements stacked on top of the chip. Although the functionality of this ASIC
has been successfully demonstrated in a 3D imaging experiment, noticeable imaging
artifacts associated with parasitic transmissions generated by HV switch actuation at
the TX to RX transition and vice versa were found. In particular, thousands of switches
actuate simultaneously in a full-aperture selection for plane wave transmission, making
this problem more serious. The parasitic transmissions originate from non-idealities of the
HV MOSFETs in the switch circuits, i.e., clock feedthrough and charge injection, generating
switching transients on the transducer elements.

Charge injection and clock feedthrough in low-voltage analog complementary
metal–oxide–semiconductor (CMOS) circuits have been discussed extensively in the
literature [81], and several techniques to cancel their effects have been reported, such as
dummy transistor compensation [82], [152] and differential clock feedthrough attenuation
[83]. However, these techniques are not directly applicable in this design because the HV
laterally diffused metal oxide semiconductor (LDMOS) transistors used for HV switches
are much larger than low-voltage transistors. As a result, these solutions, which rely on
additional transistors, would make die area occupied by the element-level switch circuit
too large in comparison to the size of the transducer elements. Recently, one approach,
linearized control of the gate voltage of a HV MOSFET, has been reported to address this
issue in an ASIC design with large aperture transducer arrays for ultrasound imaging
applications [153].

In this work, as an alternative, we propose a second-generation transceiver ASIC
focusing on minimizing the effects due to non-idealities of the HV MOSFETs, the root
cause of the mentioned imaging artifacts. To achieve this, we propose a new HV switch
controller that generates control signals for the HV switches with improved timing to
alleviate the effects of their non-idealities. In this design, a current discharging path from
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Figure 3.1: Overview of the proposed matrix transducer on tiled application-specific integrated circuits (ASICs)
(right). Overview of a single tile consisting of 12 × 80 transducer elements on top of an ASIC with 12 × 80
element-level switches and row-level circuits (left).

the transducer element to the ground is created at the TX and RX switching moments.
Consequently, this leads to significantly reduced peak-to-peak amplitudes of the switching
transients.

This paper is structured as follows. Section 3.2 describes the materials and methods
of this work, which comprise a system overview in Section 3.2.1, the architecture of the
designed ASIC in Section 3.2.2, the implementation of the element-level switch circuit
and an analysis of the associated switching transients due to non-idealities of the HV
MOSFETs in Section 3.2.3, the design of a switch controller with a switching-artifact
reduction technique in Section 3.2.4, and its validation in simulation in Section 3.2.5.
Section 3.3 describes the measurement results and discussion, explaining the experimental
prototype used to validate the design in Section 3.3.1, presenting its electrical verification
in Section 3.3.2, and showing reduced imaging artifacts in Section 3.3.3. Finally, the paper
is concluded in Section 3.4.

3.2 Materials and Methods
3.2.1 System overview
The size of the matrix transducer to cover an aperture sufficiently large enough for carotid
artery imaging is 36 mm × 12 mm. To facilitate the realization of a full-sized array, we
designed the second-generation ASIC via a MLM (multi-layer mask) full-wafer fabrication
process. Compared to our previous work [71], the row pitch was increased from 150 to
300 µm while keeping the center frequency as it was. Thus, the number of rows in the ASIC
was reduced from 24 to 12 so that the density of the wire bonds that electrically connect
the ASIC to a printed circuit board (PCB) was also significantly reduced. This modification
of physical dimensions enabled us to wire bond more reliably, which is one of the main
challenges of the first-generation ASIC. On the other hand, the number of columns per
ASIC increased from 40 to 80, which allowed us to implement the targeted aperture by
tiling 1 × 10 ASICs, as shown on the right of Figure 3.1. This increased number of columns
provided an important additional advantage compared to the previous work with 2 × 10
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Figure 3.2: Cross-sectional view of the transducer array mounted on top of the ASIC.

ASICs tiled, since wire-bond connections only have to be made on one side of the tiled
array.

As shown on the left of Figure 3.1, each of the ASICs had a die size of 3.6 mm × 12.8 mm,
and interfaced with an array of 12 × 80 (rows × columns) transducer elements through
element-level and row-level circuits. Each pitch-matched element-level circuit was con-
nected to the corresponding transducer element via a bondpad. Bondpads on the periphery
of each ASIC were arranged in two columns. The inner column connected row-level TX
and RX signals to an imaging system. Bondpads of the outer column made connections for
digital control signals as well as analog and digital power supplies.

In the same way as the first-generation ASIC, the piezoelectric layer (PZT)-on-CMOS
integration scheme illustrated in Figure 3.2 [154] was adopted to build the transducer array
on top of the ASICs. To electrically connect the circuitry on the ASIC to the transducer
elements, we formed gold bumps on top of the ASIC bondpads using a wire-bonding
tool. This was done in a matrix pattern with the same pitch as the transducer array. A
nonconductive epoxy buffer layer was then deposited, filling the gaps between the gold.
After this, the buffer layer was ground down to expose the gold, thus providing reliable
electrical contacts for the transducer elements. On top of the epoxy layer, the acoustic
stack consisting of a PZT and a matching layer was constructed. The conductive glue layer
created the electrical connection between contacts and the electrode on the back-side of
the piezoelectric ceramic. After that, the stack was diced into the desired 150 µm × 300 µm
pitch array pattern using a diamond saw. The dicing kerfs were air-filled to minimize the
crosstalk between elements. Finally, the array was covered with an aluminum foil that
formed the elements’ common ground electrode.

3.2.2 ASIC architecture
Figure 3.3 shows the top-level architecture of the second-generation ASIC. The 80 elements
in each row of the matrix shared a row-level RX and TX bus to reduce channel count by a
factor of 80. Even with 1x10 tiled ASICs, the total number of RX and TX channels was 240,
which could be managed by an imaging system. Each transducer element was connected
to the RX bus or the TX bus through a programmable element-level circuit. The RX bus
was associated with a shared row-level circuit, which amplified the received echo signals,
filtered out-of-band noise, and drove the connection to the imaging system.
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Figure 3.3: Block diagram of the second-generation ASIC.

Ahead of starting successive transmit/receive cycles, we needed to program the ASIC.
Row-level logic was used to select one of the various element-selection modes supported by
the ASIC to implement a specific imaging scheme and set the gain of the row-level circuit.
This logic was programmed through a vertical shift registers (VSR) that was loaded during
the programming phase. Each element was associated with logic allowing us to change
rapidly between transmit/receive cycles the selection of active elements for a specific trans-
mit and/or receive cycle. This element-level logic was pre-loaded through a horizontal shift
register (HSR) during the programming phase. The switch controller received low-voltage
digital signals (ϕTX and ϕRX) from a field-programmable gain array (FPGA) and generated
5 V control signals (ϕTX,PZT, ϕRX,PZT, ϕRX,GND, and ϕRX,LNA), according to the pre-loaded
data, to drive the element-level switch circuit. In this design, the switch controller was
implemented using a non-overlapping clock generator to minimize the non-idealities of
HV devices introduced above in the switch circuit.

3.2.3 Element-Level Switch Circuit and Non-Idealities
Figure 3.4 shows the circuit diagram of the element-level switches implemented in the
first-generation ASIC. The HV switches were needed to enable HV pulse transmission while
keeping a more compact implementation and less power consumption. The control signals
were generated by simple combinational logic from the TX/RX phases (ϕTX and ϕRX) and
three enable bits (ELE_EN[i, j], TX_EN[i, j], and RX_EN[i, j]), which were pre-loaded via
the HSR in the programming phase. The ELE_EN bit determined whether an element
was enabled (high) or disabled (low). If a certain element was disabled, it was excluded
from participating in imaging and connected to the ground via transistors M5 and M6.
This helped to prevent the signal of disabled elements from coupling to the RX bus and
capacitive coupling from the TX bus to the disabled elements in the TX phase ϕTX. For the
enabled elements, the remaining two bits, TX_EN and RX_EN, determined whether they
participate in transmission and/or reception.

During the TX phase ϕTX, the row-level TX bus, TX[i] was connected to the element if
ELE_EN[i, j] and TX_EN[i, j] were high. Two back-to-back n-type HV LDMOS transistors
(M1 and M2), driven by ϕTX,PZT, allowed an external imaging system to send a unipolar
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Figure 3.4: Simplified circuit diagram of the element-level switch and the combinational logic equation, imple-
mented as the switch controller, proposed in [71].

pulse with a peak value up to 65 V. To turn on M1 and M2, we charged a bootstrap capacitor
C1 connected between their source and gate through M3 by making ϕTX,SW high at the
beginning of ϕTX. Soon after that, ϕTX,SW went low to turn off M3, keeping M1 and M2 on
and allowing them to swing up with the transmit HV pulses on the TX bus. To provide
a sufficiently high gate voltage to turn on M1 and M2, we gave the bootstrap capacitor
C1 a relatively large value of 7.2 pF in this design. At the end of ϕTX, C1 was discharged
by pulling down the source of M3 so that M1 and M2 were turned off. During the RX
phase ϕRX, transistors M4 and M6 connected the element to the RX bus if ELE_EN[i, j] and
RX_EN[i, j] were high.

As described earlier in Section 3.1, an important consideration in this design is minimiz-
ing the impact of non-idealities, clock feedthrough, and charge injection of the HV switches,
which generate switching glitches on the transducer element at the TX to RX transition and
vice versa. This problem eventually leads to visible imaging artifacts. Figure 3.5a shows
simulated waveforms of the control signals driving the element-level switch transistors.
Even without a transmitted pulse, noticeable switching glitches appear on the element, as
shown in Figure 3.5b. The peak amplitudes of these undesired glitches at the RX to TX
transition and vice versa were 2.19 V and −0.64 V, respectively. This amplitude, in the volt
range, led to visible imaging artifacts, even when applying a high-voltage transmit pulse
with an amplitude of tens of volts.

3.2.4 Proposed Switch Controller
To minimize the switching transients discussed in the previous section, we proposed a new
timing diagram, shown in Figure 3.6a, of the switch control signals. At the transition from
RX to TX, the RX bus was first disconnected from the element by making ϕRX,LNA low
while ϕRX,PZT remained high. Subsequently, M5 was turned on by making ϕRX,GND high;
thus, a low-impedance discharging path from the element to ground was created before
actuating M1 and M2 associated with the HV TX switch. Thus, when ϕTX,PZT was made
high, the clock feedthrough-induced current could flow to the ground through transistor
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Figure 3.5: Simulated waveforms of the element-level circuit implemented in the first-generation ASIC (Figure 3.4):
(a) control signals driving the element-level switch circuit and (b) the switching transients on the transducer
element.

M5 instead of to the element. Finally, when ϕRX,PZT was made low, the charge injection
error from M4 could be absorbed to both ground and the low-impedance output of the
pulser. This switching sequence reduced the peak amplitude of the switching transients
significantly at the transition of RX to TX. Although M6, a 5 V device, was switching
without a discharging path to the ground, the associated transient was not critical because
M6 was much smaller than the high-voltage devices.

Conversely, at the transition of TX to RX, transistor M4 was activated first to create
a discharging path again from the element to the ground. At the transition of ϕTX,PZT, a
significant error could be generated due to charge injection related to M1 and M2. However,
the resulting voltage transient on the element was minimized because the associated charge
could flow via M4 and M5 to the ground. Figure 3.6b shows the switch controller’s design
with cascaded non-overlapping clock generators to generate the control signals presented
in Figure 3.6a. Each stage employed delay unit cells in which metal–oxide–semiconductor
(MOS) capacitors were used to make sufficient delay (>100 ns) between the signals.

3.2.5 Validation in Simulation
The proposed switch controller was simulated to validate the reduction of the switching
transients. Figure 3.7 shows the simulation results of the control signals generated by
the controller, the voltage on the element, and the current flowing through M5 in Fig-
ure 3.4 at the switching moments for the TX to RX transition and vice versa. Figure 3.7a
shows the transition of the signals at the switching moment from RX to TX, with the
peak-to-peak amplitude of switching transients being 139.2 mV, as shown in Figure 3.7b.
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Figure 3.6: (a) The proposed timing diagram of the control signals to minimize the switching transients and (b)
implementation of the switch controller to generate such signals.

Figure 3.7c shows that the current flows through M5 at the switching moments of high-
voltage transistors M1, M2, and M4, resulting in the reduction of the switching transients.
Figure 3.7d shows waveforms of the control signals at the transition from TX to RX, with
the peak-to-peak amplitude being 207.3 mV, as shown in Figure 3.7e. In particular, the
largest peak value of −118.8 mV, associated with the falling edge of ϕTX,PZT, was caused
by the charge injection effect of M1 and M2. This amplitude was significantly reduced
because the charge-injection-induced current was also absorbed into the ground via M5,
as is confirmed in Figure 3.7f. Consequently, compared to 2.19 V in the first-generation
ASIC simulation, the peak-to-peak amplitude of the switching transients with the newly
designed switch controller was reduced by around 20 dB.
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Figure 3.7: Simulated waveforms with the proposed switch controller at the transition of RX to TX (a-c) and vice
versa (d-f). (a,d) Control signals driving the element-level switch circuit, (b,e) the switching transients on the
transducer element, and (c,f) the drain current flowing via M5.

3.3 Results and Discussion
3.3.1 Experimental Prototype
The ASIC was fabricated in a 0.18 µm HVBCD process. Figure 3.8a,b shows a photograph of
a bare die and a plot of the layout of the element-level TX and RX circuits, respectively. The
area of the element-level circuit was matched to the 150 µm × 300 µm transducer element
size. In the prototype shown in Figure 3.8c, four ASICs were mounted on a test PCB
and wire-bonded for RX and TX channels as well as for power and control signals. A
piezo-electric transducer array was built on top of the ASICs using the process described
in [154]. The prototype was covered by a ground foil, the common ground electrode of the
transducer elements, and by a moisture protection layer.

3.3.2 Electrical Verification
In the electrical characterization, an ASIC die without transducer array was used, on which
selected transducer pads were wire-bonded to the test board to observe the switching
transients. Without applying a high-voltage TX pulse, residual switching transients were
visible, as shown in Figure 3.9. Their peak-to-peak amplitudes at the TX to RX transition
and vice versa were 100 mVPP and 30 mVPP, respectively. Compared to the simulation
results with the first-generation ASIC shown in Figure 3.5, the peak-to-peak values were
reduced by factors of 6 and 70. Compared to the simulation results shown in Figure 3.7,
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Figure 3.8: (a) Chip photograph of the ASIC, (b) layout of the pitch-matched element-level circuit, and (c) the test
printed circuit board (PCB) with transducer array on top of the ASICs.

the measured peak-to-peak amplitudes were a factor of 2 and 5 lower. This was likely
due to the effects of the wire-bonded connection, the bondpad on the PCB, and the probe
capacitance in the test setup, which resulted in a higher capacitance, and hence a smaller
transient voltage than in the simulation. Taking this loading effect into account, the results
were consistent with the expected reduction of 20 dB derived in Section 3.2.5.

3.3.3 Improvement in Clock Feedthrough and Charge Injection-
Induced Imaging Artifact

The test-bench for acoustic experiments to validate the reduced switching artifacts is shown
in Figure 3.10. A Verasonics V1 imaging system (Verasonics, Kirkland, WA, USA) was used
to generate the HV TX signals. To interface the TX and RX signals between the Verasonics
and the test PCB, we designed a motherboard PCB. On the transmit paths, a matching
circuit was implemented to guarantee a unipolar excitation pulse. The received signals
were buffered with unity-gain operational amplifiers on the motherboard before being
fed into the Verasonics. The motherboard also included low-dropout regulators (LDOs)
to generate supply voltages for analog, digital, and 5 V circuitry. Moreover, the board
contained digital buffers to transfer the signals from the field-programmable gate array
(FPGA) board. These digital signals consisted of clock and data for programming the ASICs
and their control signals.
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Figure 3.9: Measured waveforms of the RX phase (blue) and the switching transient observed on the element X
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Figure 3.10: Overview of the measurement setup used for demonstrating the effect of the switching transients for
the first- and the second-generation ASICs.

Pulse-echo measurements were performed to obtain imaging results using a quartz
plate as a reflector located at a depth of 13 mm. The TX signal was a unipolar half-cycle
7.5 MHz pulse with a peak value of 1 V. All elements were enabled to send a plane wave
on the full-aperture in TX, and echo signals were received in a column-by-column fashion.
The reason for using a relatively small 1 V pulse was to better bring out the switching
artifacts compared to the 60 V pulse used in normal operation. To record the switching
glitches at the transitions of both TX to RX and vice versa, we applied two successive
RX phases, as shown in Figure 3.11. During the first RX phase, the echo signal from the
transmitted 1 V pulse and the switching transients from the first transition from TX to RX
(the first rising edge) can be recorded. In the second cycle, the switching transients from
the first transition from RX to TX (the first falling edge) and from the second transition
from TX to RX (the second rising edge) were recorded.

Figure 3.12 demonstrates how the switching transients affected the image and how
much imaging artifacts were improved with the proposed switch controller circuit. Figure
Figure 3.12a,b show the RF signal for a single channel captured by the Verasonics and the
imaging result, respectively, with the first-generation ASIC. As can be seen in Figure 3.12a,
the peak-to-peak amplitude of the RX to TX switching transients located at a depth of
38 mm was considerably larger than the echo signal from the transmitted 1 V pulse. Even if
the largest pulse amplitude supported by the ASIC of 65 V would be used, these switching
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transients would give significant artifacts in the image. On the other hand, the amplitude of
the RX to TX switching transients was reduced by a factor of 20 dB in Figure 3.12c,d for the
second-generation ASIC. This reduced amplitude corresponded to a parasitic transmitted
pulse with an amplitude of only 0.3 V. If the maximum pulse amplitude of 65 V were to be
used, the echo signals from the switching would be 46.7 dB smaller than the echoes from
the intended pulse, making their impact on the image much less significant compared to
the 20 dB difference between pulse and switching artifacts in the first generation ASIC.
This result demonstrated that the switching artifact reduction scheme with the proposed
switch controller improved image quality significantly.
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Figure 3.11: The waveform of the RX phase with two cycles used in the pulse-echo measurement to record the
switching glitches at both TX to RX transition and vice versa.
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3.4 Conclusions
We present an ultrasound transceiver ASIC design with a switching artifact reduction
technique, designed for 3D volumetric imaging of the carotid artery. We have previously
reported a first-generation ASIC design [71] that demonstrated the 3D imaging capability;
however, we observed noticeable ghost echoes in the experiment. We have identified that
this issue originates from clock feedthrough and charge injection of the HV MOSFETs in the
element-level switch circuits, generating switching transients on the transducer elements
that lead to parasitic pulse transmission. The improved switch controller proposed in this
paper generates control signals of HV switches such that a discharge path to ground is
created at the critical switching moments, strongly reducing the transients on the transducer
element. Measured results demonstrate a 20 dB reduction in imaging artifacts compared to
our previous ASIC.
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4
A Tiled Ultrasound Matrix
Transducer for Volumetric

Imaging of the Carotid Artery

High frame rate three-dimensional (3D) ultrasound imaging would offer excellent possibili-
ties for the accurate assessment of carotid artery diseases. This calls for a matrix transducer
with a large aperture and a vast number of elements. Such a matrix transducer should
be interfaced with an application-specific integrated circuit (ASIC) for channel reduction.
However, the fabrication of such a transducer integrated with one very large ASIC is
very challenging and expensive. In this study we develop a prototype matrix transducer
mounted on top of multiple identical ASICs in a tiled configuration. The matrix was de-
signed to have 7680 piezoelectric elements with a pitch of 300 µm × 150 µm integrated with
an array of 8×1 tiled ASICs. The performance of the prototype is characterized by a series
of measurements. The transducer exhibits a uniform behavior with the majority of the
elements working within the −6 dB sensitivity range. In transmit, the individual elements
show a center frequency of 7.5 MHz, a −6 dB bandwidth of 45%, and a transmit efficiency
of 30 Pa/V at 200 mm. In receive, the dynamic range is 81 dB and the mini-mum detectable
pressure is 60 Pa per element. To demonstrate the imaging capabilities, we acquired 3D
images using a commercial wire phantom.

This chapter has been published as:
F. Fool, D. S. dos Santos, M. Mozaffarzadeh, M. Shabanimotlagh, E. Noothout, T. Kim, N. Rozsa, H. J. Vos, J. G.
Bosch, M. A. P. Pertijs, M. D. Verweij, and N. de Jong, “A Tiled Ultrasound Matrix Transducer for Volumetric
Imaging of the Carotid Artery,” Sensors, 2022, doi: 10.3390/s22249799
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4.1 Introduction
Carotid arteries are major blood vessels located on both sides of the neck that supply
the head and brain with oxygen and nutrients. Carotid artery disease, which is referred
to as atherosclerosis or stenosis, occurs when fatty deposits (plaques) clog the carotid
artery [35]. The blockage of the carotid arteries is a frequent source of stroke, a medical
emergency that occurs when blood supply to the brain is interrupted or seriously reduced
[36]. Assessing the progression of the atherosclerosis in the carotid artery is very useful
for risk stratification, evaluation of patient response to medical interventions, evaluation of
new risk factors, genetic research, and quantification of the effects of new therapies [155],
[156]. The assessment of the carotid plaque state is commonly performed with ultrasound
imaging for the purpose of medical diagnosis [157].

With conventional two-dimensional (2D) ultrasound imaging, the assessment of the
plaque is based on multiple 2D images, which are mentally combined by the operator to
form a subjective impression of the three-dimensional (3D) vessel structure. Using this
approach, accurate assessment of the plaque progress is difficult and highly dependent
on the skills and experience of the sonographer [52]. This requires reproduction of the
same imaging plane at later times, which is difficult and sometimes impossible due to
the restrictions imposed by the patient’s anatomy or position. Moreover, quantitative
estimation of the plaque volume in 2D ultrasound is based on measurements of height,
width, and length in different orthogonal views for ideal shapes (e.g. ellipsoidal), which are
prone to error [51]. 3D ultrasound has the potential for accurate quantitative monitoring
of the changes in plaque volume and might be vital for therapy assessment [36], [156],
[158], [159]. In carotid artery diagnosis, measurement of blood flow and plaque surface
motion are important parameters [49]. For accurate analysis of the dynamics of the blood
flow, 3D vector velocities at a high frame rate are necessary. Two-dimensional methods do
not provide a realistic picture of the actual flow and do not provide information about the
out-of-plane velocity component [55]. Thus, these 3D phenomena can only be assessed
correctly with high frame rate 3D ultrasound imaging.

Going from 2D to 3D high frame rate ultrasound imaging is challenging. While me-
chanically swept or free-hand scanning techniques using a linear (i.e., one-dimensional)
transducer array might suffice for low-frame rate applications, a 2D matrix transducer array
is necessary for high frame rate applications [51]. This matrix transducer should cover a
sufficiently large aperture (>400 mm2) and its element pitch should preferably be smaller
than half of the wavelength (𝜆) in both directions to avoid grating lobes. The combination
of small elements and a large aperture results in a very large number of transducer elements
(in the order of thousands) [59], [160], [161]. It is possible to build a matrix array with such
a vast number of elements, but making electrical connections to all the elements is a great
challenge [132]. Various techniques have been proposed to reduce the complexity of fully
populated matrix arrays, such as sparse matrix arrays and row-column addressed matrix
arrays. Sparse arrays can effectively reduce channel count and electronic complexity, and
can perform high frame rate volumetric imaging [62], [162]–[164]. However, this type
of array has two fundamental limitations which are the lower signal-to-noise ratio (SNR)
and higher clutter levels [144], [165], [166]. Row-column addressed arrays, on the other
hand, can reduce the number of connections from 𝑁 2 to 2𝑁 in a matrix array consisting of
N×N elements [65], [67], [167]. However, the inherent drawbacks of this transducer are
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the more complex read-out sequences and the lower frame rate, which is limited due to
switching [165].

As an alternative, Application-Specific Integrated Circuits (ASICs) can be directly in-
tegrated with the matrix array to reduce the number of electrical connections, allowing
large-element-count transducers to be used with traditional 128 to 256 channel systems
and probe cables [84], [168]. With this approach, the channel reduction can be done in
multiple ways depending on the intended application, for example by channel multiplexing,
sub-aperture beamforming, in-probe-digitization, or time-division multiplexing [70], [72],
[134]. Besides channel reduction, an ASIC can also perform amplification of the received
signals to prevent attenuation due to the loading of the cables connecting the ASIC to the
imaging system [71], [74]. These advantages make matrix arrays with in-probe electronics
an attractive technology for 3D high frame rate ultrasound imaging, although this comes
at the cost of a more complex and costly developing process. Examples of commercially
available matrix array probes with a large element count and integrated ASIC include the
xMATRIX technology from Philips [169], the iQ+ technology from Butterfly [170], [171]
and the 4G CMUT technology from Fujifilm [172].

We have previously presented a first-generation matrix transducer array made of lead
zirconate titanate (PZT) and designed for high frame rate, 3D imaging of the carotid arteries
that was built directly on top of an ASIC [71], [161]. Since building one single ASIC large
enough to cover the carotid bifurcation is very challenging and expensive, we opted for
a tiling approach in which multiple small identical ASICs were tiled together in both the
lateral and elevation direction to form a larger array. A single ASIC contained 24x40
element-level circuits that consisted of transmit (TX) switches, receive (RX) switches, and
control logic. The ASIC architecture could accommodate nine arbitrary TX/RX patterns in
the provided memories. The architecture allowed the matrix to operate like an electronically
translatable array and we have previously shown how to achieve a high frame rate with
such transducer [173]. The layout of element-level circuits was matched to the element
pitch of the matrix array, which was 150 µm in both directions. By using 10x2 tiled ASICs,
a probe with an aperture of 36 mm × 12 mm consisting of 19 200 elements (240 rows and 80
columns) could be constructed, however, at that time, we only presented a 4×2 tiled design,
which was too small for carotid artery imaging. Although the functionality of this matrix
transducer was successfully demonstrated in a 3D imaging experiment [161], the probe
had limitations in terms of transmit voltage, cable count, and number of pre-programmed
patterns, that needed to be tackled in the next generation of the probe.

In the second generation of the transducer, presented in this paper, we have developed a
prototype to resolve the limitations present in the previous design. The new version contains
12x80 elements per ASIC that interface with a PZT matrix array of 300 µm × 150 µm. Due to
this, we only need to tile the ASICs in one direction instead of two directions, which makes
the alignment during manufacturing much easier. In addition, the larger pitch overcomes
electronics space limitations in the pitch-matched configuration, which allows to increase
the TX pulse voltage from 30 V to up to 65 V. Also, the number of pre-programmed arbitrary
patterns is increased to 20. Finally, undesired transmit signals that originated from the
TX-to-RX mode switching (and vice versa) are significantly reduced in the new version of
the ASIC [132].
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This paper describes the development of the prototype tiled matrix transducer that
is based on the second-generation ASIC described above. The goal of this work is to
demonstrate the feasibility of using the tiling approach to build a sufficiently large aperture
and to evaluate the potential of using the prototype for 3D imaging of the carotid artery. In
so doing, we will discuss the design, fabrication process, and extensive characterization of
the transducer that was targeted to have 7680 piezo elements built on top of 8x1 tiled ASICs.
We also performed volumetric imaging of a wire phantom to demonstrate the imaging
capabilities of the prototype.

4.2 Materials and methods
4.2.1 Design choices
Volumetric imaging currently cannot attain the same frame rate, resolution, and image
quality as in 2D, at least not all at the same time. The main issue is that with a large
fully populated matrix array there are too many elements to control and read out at once.
Therefore, trade-offs exist between frame rate, resolution, and image quality, which are
different for the various types of matrix arrays discussed in the introduction. We have
opted to use an ASIC to have large field of view yet still maintaining high frame rates. In
this section, we discuss our design choices.

The matrix transducer is designed for imaging of the carotid bifurcation. We have chosen
a center frequency of 7.5 MHz as this is recommended for carotid imaging applications
[174]. For the aperture size, we aimed at about 40 mm × 15 mm as the carotid bifurcation is
easily accessible and therefore allows for larger apertures. However, manufacturing such
a large ASIC in one piece would be very expensive [136]. So, we opted to employ a tiled
approach where we place multiple smaller and identical ASICs next to each other to create
a larger aperture. The final aperture will be 36 mm × 12 mm, which consists of an array of
10×1 tiled ASICs of 3.6 mm × 12 mm each. A schematic drawing is shown in Figure 4.1.

A large aperture requires a large number of elements, but the number of available
channels on an ultrasound system is limited. Research scanners like the ULA-OP [175]
and the Verasonics Vantage [176] nowadays contain up to 256 channels. Our ASIC design
requires separated TX and RX channels; therefore, we opted to limit ourselves to 128
transmit and 128 receive channels. However, since filling the total aperture with square
elements with a pitch of 0.5 𝜆 would require over 40 000 elements and thus also over 40 000,
a significant degree of channel reduction is required.

As we are using ASICs, there are various ways to reduce the channel count. In our
design, we make use of the fact that the fastest flow velocities in the carotid bifurcation
are achieved along the long axis of the vessel, corresponding to the long side of the probe
aperture (y-direction in Figure 4.1) and that the velocities in the direction of the short side
(x-direction) are in comparison much slower. We can therefore use an asymmetric design
where each row of the probe has a single transmit and receive channel and the columns
can be enabled or disabled at will. This design represents an electronically translatable
1D array (translatable in x-direction). Using this approach, assuming a pitch of 0.5 𝜆, the
channel count could be reduced to 360 transmit and 360 receive channels, which would
still be too high for contemporary research scanners. A way to further reduce the channel
count is by increasing the element pitch in the y-direction to 300 µm, which corresponds
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Figure 4.1: Schematic drawing of the envisioned full matrix transducer (right), together with a single ASIC
transducer with PZT elements mounted on top (left).

to 1.5 𝜆. Such a large pitch can result in grating lobes and limited steering capability, yet it
could be acceptable as we have chosen to make the aperture very large and therefore high
steering angles are not necessary. Another downside of having larger PZT elements is
that they will not vibrate like a piston because the element width is much larger than 1.5 𝜆
[177]. Instead, unwanted vibration modes will be generated, which significantly reduce the
efficiency of the transducer [177], [178]. Fortunately, the performance of elements having a
width greater than 0.7 𝜆 can be improved by subdicing the elements, as we have previously
investigated through simulations [178] and experiments [179]. With the proposed pitch of
300 µm in the y-direction, only 120 TX and 120 RX channels are necessary, which satisfies
our requirements.

4.2.2 Imaging Scheme
Each imaging modality requires a different trade-off between spatial and temporal res-
olution: conventional B-mode requires the highest spatial resolution possible, Doppler
imaging needs the best temporal resolution [65], [180], and pulse wave imaging (i.e., wall
motion imaging during the pulse wave in the blood vessels) requires a bit of both [155]. The
designed ASIC allows for an arbitrary element group selection and thus supports different
element configurations for different imaging purposes [71]. A few examples are outlined
in Figure 4.2. For high-resolution B-mode imaging, the whole aperture can be used for
transmission, while reception can take place column by column. For high-frame-rate flow
imaging, the transducer can operate like an electronically translatable fully addressable
1-D array where a subset of the columns is used in transmit and receive, and these columns
are translated between each TX/RX event. For other purposes, specific patterns or even
pseudo-random selection are possible [71], [181].

4.2.3 ASIC design and implementation
Figure 4.3 shows the top-level architecture of the second-generation ASIC. Each row of
the matrix has 80 elements that share a row-level TX and RX buses to reduce the channel
count by a factor of 80. Each transducer element has a programmable switching circuit
that allows the element to be connected to the TX bus, the RX bus, both TX and RX buses
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Figure 4.2: Example imaging schemes determined by different transmit and receive element configurations. (a)
Plane wave imaging. (b) Dynamic linear array. (c) Random pattern imaging.
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Figure 4.3: Block diagram of the architecture of a single ASIC.

(i.e., pulse-echo operation), or to the ground (i.e., disabled). The element-level circuitry fits
in the 300 µm × 150 µm area occupied by the transducer element, allowing the PZT matrix
to be integrated directly on top of the ASIC.

Each RX bus is associated with a shared row-level circuit consisting of a low-noise
amplifier (LNA), programmable gain amplifier (PGA), and a cable driver, which connects
the output signal to a receive channel of the imaging system. The various combinations of
LNA/PGA gain settings allow to achieve a programmable gain ranging from −8.6 to 32.7 dB
with an average step of 2.75 dB. The gain can be changed during the receive phase to make
sure the signal level stays within the dynamic range of the ASIC. Each TX bus receives an
externally generated high voltage transmit unipolar pulse with an amplitude of tens of volts.
The control logic, which is programmed through horizontal and vertical shift registers,
determines whether an element participates in a given TX/RX cycle; selects the element
configuration for a specific imaging scheme; and sets the gain of the row-level circuit.
More details about the current ASIC design can be found in our previous publication [132].
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150 �m

(a) (b) 

Figure 4.4: Overview of the acoustic stack (not drawn to scale). (a) Front view. (b) Side view. The numbers in
parenthesis indicate the dimension in the z-direction (i.e. thickness).

4.2.4 Acoustic stack fabrication
Stack design
Our stack design was similar to what we have used previously for matrix transducers
in our lab [71], [86], [155], [161], [173] and consisted of a PZT array built on top of an
ASIC, a single matching layer, an aluminum ground foil, and a top protective layer. At the
bottom of the PZT, there was a buffer layer that allowed for tolerances in dicing depths,
and electrically isolated neighboring elements. A major issue in the previous designs was
the fact that the acoustic stack was mounted only through thin layers on top of the ASIC.
This made fabrication easier, but due to the lack of damping between the PZT and the ASIC,
a significant amount of energy was transmitted into the ASIC, which hardly attenuates the
waves. This resulted in two effects: reflections from layers beneath the ASIC; and cross-talk
between elements due to the propagation of Lamb waves, which can be visible as extra
peaks in the directivity pattern [86]. There are various approaches to reduce the effect of
the ASIC on acoustic performance. Shabanimothlag et al. proposed to either lap down the
thickness of the ASIC and place a standard acoustic backing behind the ASIC, or dice deep
cuts into the ASIC [86]. These approaches work in simulation but are difficult to be realized
in practice as the ASIC mainly consists of silicon which is brittle and hence hard to process.
All alternative methods use an interfacing surface layer such as epoxy between the ASIC
and PZT to induce a quarter-wavelength mode and direct most of the acoustic energy
from the PZT forward [182]. Wildes et al. proposed a high-impedance “dematching” layer
that reduced the need for a high-attenuation backing layer [84]. They used anisotropic
conductive adhesive and flex circuits to attach the acoustic stack to the ASIC. Wodnicki et
al. proposed to use an interposer conductive backing of pillars to connect the acoustic stack
to the surface of the ASIC [183]. The interposer consisted of a 3D printed acrylic frame that
was filled with conducting and acoustically absorbing silver epoxy material. The thickness
of the interposer backing was considerably large (4 mm) to ensure great attenuation.

In the current design, we have opted for an interposer layer that consists of pillars of
silver glue and an epoxy material with a high attenuation. The composite layer consists of
a small channel of silver glue that electrically connects the PZT material to the ASIC and
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an epoxy that we previously used as a backing and has high attenuation. The thickness of
the interposer was chosen such that it dampens the waves significantly, but not completely
as in the work of Wodnicki et al. [183]. A schematic drawing of the designed acoustic stack
with material information is presented in Figure 4.4.

Stack fabrication
In our previous work [179], in which we investigated the effect of subdicing on a PZT
matrix built on top of ASICs, we limited ourselves to the fabrication of a matrix transducer
consisting of 4x1 tiled ASICs. The main difficulty lied in maintaining a flat surface of the
stack over the whole area. The flatness of the stack surface is crucial for the dicing process
because the dicing kerfs should be deep enough to guarantee the electrical and acoustical
isolation between the elements, but shallow enough to not cut into the ASICs. Unfortunately,
ASIC damage during the dicing process was a recurrent problem encountered in our
previous attempts to fabricate the matrix.

In the current work, in order to minimize the risk of ASIC damage when dicing, we
opted to manufacture a sample consisting of 8 × 1 tiled ASICs with a gap of one ASIC in
the middle, i.e., the acoustic stack consists of two times 4 × 1 tiled ASICs with a gap of one
ASIC in between the two. This is not the final version of the matrix transducer, however,
this prototype is certainly relevant to verify the reliability of our manufacturing process;
and to evaluate the functionality and performance of a prototype twice as large as our
previous ones.

The transducer fabrication process starts with gluing the ASIC tiles onto a glass plate,
which acts as a flat surface to guide the alignment of the ASICs and ensure that the ASICs
have the same surface height. After this, gold balls are deposited on the ASIC pads (two
bond pads are available per element to improve the connection stability). The gaps between
the gold balls are filled with an electrically isolating epoxy material, which is then grinded
down until the gold balls are again exposed. The main role of this layer is to establish a
mechanical buffer for dicing the interposer layer, and to electrically isolate neighboring
elements from each other. This buffer layer also provides the electrical connections from
the ASIC bond pads to the interposer layer.

Next, the interposer is built by first depositing a thick layer of the non-conductive
epoxy material. A 50 µm dicing blade is used to dice in one direction to expose the gold
balls. These grooves are then filled with conductive glue and afterwards, the excess material
is grinded away. Then, the dicing blade is used to dice in the other direction in between the
gold balls and these grooves are filled again by the non-conducting buffer material. Excess
material is again grinded away so that we end up with a flat top layer.

Next in the process, a matching layer made of conductive glue is applied on top of the
piezoelectric material (3203HD, CTS Corporation, Lisle, IL, EUA). Then, the stack consisting
of PZT and matching layer is glued on top of the interposer. After this, the acoustical
stack is diced. Two types of cuts are used. The through-cuts are made to separate the PZT
elements with 300 µm × 150 µm pitch and they may partially extend into the interposer
layer (see Figure 4.4). The subdicing cuts, on the other hand, only extend to about 70% of
the pillar thickness. All the dicing/subdicing cuts are made using a 20 µm thick diamond
blade and the dicing kerfs are not re-filled with any material, to minimize the acoustical
crosstalk between the elements.
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(a) (b) 

Daughterboard PCB

Figure 4.5: Photograph of the prototype transducer. (a) Fabrication of the PZT matrix with 96×80 (rows × columns)
elements on top of 8x1 tiled ASICs. (b) Finished transducer on the daughterboard.

To finalize the matrix, a common ground electrode is made by gluing a 7 µm thick
aluminum foil on top of the whole matrix array. Afterward, a thin layer of an encapsulation
material (AptFlex F7, Precision Acoustics Ltd., Dorchester, UK) is placed on top to prevent
moisture from infiltrating the acoustic stack and thereby damaging the array. Photographs
taken during and after the fabrication of the matrix transducer are shown in Figure 4.5.

Electrical Connections
A daughterboard (see Figure 4.5b) was designed to hold the matrix transducer, and to provide
the transmit, receive, power, and control signals to the ASIC. The electrical connections
from the ASIC bond pads to the daughterboard bond pads were made with a bonding
machine using 18 µm thick aluminum wire-bonds. Ultraviolet curing glob top epoxy was
applied over the bonding wires for protection.

The daughterboard is connected to a motherboard by micro coaxial cable assemblies
(Samtec, New Albany, IN, USA) to transfer the TX and RX data. The motherboard interfaces
with a Verasonics imaging system (V1, Verasonics, Inc., Kirkland, WA, USA) via two
connectors (DLM5-260PW6A, ITT Corporation, White Plains, NY, USA) such that it can be
mounted directly on the Verasonics machine. An electronic matching network is provided
in the transmit paths to minimize overshoot and undershoot of the transmission signal,
to guarantee the unipolar character of the excitation generated from the Verasonics. On
the other hand, to compensate for the cable load effect and to minimize the losses of the
transmission line, the receive paths are buffered with unity gain operational amplifiers
on the motherboard to provide impedance matching between the output of the ASIC and
the Verasonics. The power and control signals are transferred via a flat ribbon cable from
the motherboard to the daughterboard. An external FPGA (DE2-115, Altera Corp., San
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Figure 4.6: Acoustical measurement setup. (a) Transmit characterization. (b) Receive characterization. (c) Imaging
using a CIRS phantom.

Jose, CA, USA) generates the control data to program the ASIC, and an external power
supply provides the power for the daughterboard and the motherboard. The Verasonics
computer controls the overall operation of the whole system through MATLAB (2014b,
The MathWorks, Inc., Natick, MA, USA).

4.2.5 Measurement setup
Electrical characterization
The electrical performance of the ASIC and the whole signal chain from the ASIC to the
Verasonics, including the cables and the motherboard, was evaluated by a test sample
ASIC without the acoustic stack. Randomly selected element bond pads on the ASIC were
wirebonded to an externally accessible test pad on the daughterboard. The transmit, receive,
power, and control bond pads on the ASIC were wire bonded to the daughterboard in the
usual way. After programming the ASIC, we used an arbitrary waveform generator (AWG;
33250A, Agilent Technologies, Santa Clara, CA, USA) to apply a 50-cycle sinusoidal signal
of 7.5 MHz to the test bond pad as a test signal. The corresponding output signals were
recorded at three different locations: at the input of the buffer on the motherboard; at
the output of the buffer on the motherboard (i.e., at the input of the Verasonics); and at
the output of the analog-to-digital converter of the Verasonics. We present the electrical
performance of the signal chain in Section 4.A.

Acoustical characterization
Figure 4.6 shows a schematic diagram of the setup for the acoustical evaluation of the
prototype transducer. For this purpose, the transducer was mounted in a box with an
acoustical window made of 25 µm thick polyimide. The whole setup was submerged in a
tank filled with deionized water.

For the transmit characterization (see option (a) in Figure 4.6), each element was driven
individually with a 20 V unipolar pulse provided by the Verasonics imaging system. The
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acoustic pressure generated by the elements was detected by a calibrated 1 mm needle
hydrophone (SN2082, Precision Acoustics Ltd., Dorchester, UK) positioned at a distance of
200 mm away from the transducer in the z-direction. On the xy-plane, the hydrophone was
placed in front of the active elements in order to reduce the influence of its directivity, as
follows. In the y-direction, we aligned the hydrophone with a central row of the ASIC under
test, whereas in the x-direction, the hydrophone was aligned at two different positions: at
column 20 for measuring elements located on the left-hand side (i.e., columns 1 to 40) of the
matrix shown in Figure 4.5; and at column 60 for measuring elements at the right-hand side
(columns 41 to 80). The hydrophone output was amplified by a 60 dB amplifier (AU-1519,
Miteq, Inc., Hauppauge, NY, USA), digitized by an oscilloscope (DSO-X 4024A, Agilent
Technologies, Santa Clara, CA, USA), and automatically transferred to the Verasonics
computer. Lastly, the recorded signals were bandpass filtered with cutoff frequencies of
4 MHz and 12 MHz to eliminate noise from lower and higher frequency sources.

The directivity pattern of nine arbitrarily selected elements was characterized in the x-
and y-directions with hydrophone scans. For this purpose, we used a calibrated 0.2 mm
needle hydrophone (SN2385, Precision Acoustics Ltd., Dorchester, UK) located 50 mm
away from the transducer in the z-direction. The hydrophone output was amplified and
recorded as detailed in the previous paragraph. For comparison, we have also simulated
the directivity pattern of an equivalent rectangular piston using the ultrasound simulator
FOCUS [184]. The relevant simulation parameters are given in Table 4.1.

Table 4.1: Parameters for the directivity pattern simulation

Parameter Value

Element center frequency 7.5 MHz
Element size 300 µm × 150 µm
Excitation type Hanning weighted pulse
Number of cycles 1
Sound speed 1480 m/s

To evaluate the receive performance (see option (b) in Figure 4.6), an external transducer
was utilized as a transmitter and excited with a 3-cycle sinusoidal burst generated by an
AWG. We used a pre-calibrated 1 mm circular single-element transducer (PA865, Precision
Acoustics Ltd., Dorchester, UK), which was placed at the center of the matrix’s surface
(i.e., at the origin of the xy-plane) at a distance z=300 mm. The received signals of each
individual element were acquired with the Verasonics.

Using the same setup described in the previous paragraph, we have also measured
the overall dynamic range, which is defined as the difference between the highest and
the lowest detectable pressures. With input pressures ranging from about 1 to 50 kPa,
we recorded the received signals for different gain settings of the Verasonics time-gain-
compensation (TGC) and the ASIC gain (i.e., the combinations of LNA/PGA gain settings).
For the ASIC gains, we used gain levels of 0, 3, 7, 11, and 15, which in decibels correspond
to −8.6, 0, 12.1, 23.5 and 32.7 dB, respectively.



4

64 4. Tiled Matrix Transducer for 3D Carotid Imaging

Imaging
To test the imaging capabilities of the transducer prototype (see option (c) in Figure 4.6),
we imaged a commercial ultrasound phantom for 3D evaluation (model: 055, CIRS, Inc.,
Norfolk, VA, USA), which contains wires with a diameter of 100 µm. For this test, only the
top ASICs (i.e., ASICs 1 to 4) of the prototype were active, which means about 3800 active
elements. All the active elements were excited simultaneously to generate a plane wave.
In reception, the echoed wavefronts were recorded column-by-column. This necessitates
80 transmit events for recording the data detected by all elements. The raw echo data
was filtered using a 50th order bandpass finite impulse response (FIR) filter with cut-off
frequencies of 5 MHz and 9 MHz. The sound speed value used for the reconstruction was
1540 m/s.

A 3D volume with a lateral/elevation size of about 14 mm covering a depth ranging
from 5 to 35 mm was discretized with a pixel size of 100 µm and reconstructed with a
delay-and-sum beamforming technique. The reconstruction was conducted using a GPU
code developed based on the direct sampling concept [185], [186]. The beamformed echo
data were first normalized, then log-compressed, and finally shown with a dynamic range
of 50 dB and 30 dB for 3D and 2D representation, respectively. The 3D volumetric image
rendering was performed with MATLAB. For quantitative evaluation, the full-width at
half-maximum (FWHM) of the point spread function (PSF) from wire reflections in the
lateral and axial directions was calculated in different elevation planes (from −3 to 3 mm,
with a spacing of 1 mm) to evaluate the variability of resolution.

4.3 Results
4.3.1 Sensitivity
The normalized sensitivity map across all elements of the matrix transducer in transmit
and receive are presented in Figure 4.7a and Figure 4.7b, respectively. The plotted values
represent the envelope peak of the time domain signals expressed in decibels (relative to
the maximum). Note that some elements (shown in white) have been omitted from the
map because they exhibit a considerably higher amplitude (10 dB higher than the mean
amplitude over all elements), which hinders the visualization of the variation across the
remaining elements. Note also that ASICs 7 and 8 have suffered damages during the
fabrication process and have been disconnected from the daughterboard. Due to this, we
cannot include these ASICs in the overall evaluation of the prototype transducer, and we
have omitted them in all figures presented in this section.

The sensitivity variation is somewhat similar in transmit and receive, but there are
noticeable differences between them. In transmit, the elements located at the left bottom
corner of the matrix (i.e., near columns 1 to 4 from ASICs 4 to 6) and also the ones located
near the vertical centerline (i.e., near column 40 from ASICs 1 to 6) exhibit a lower efficiency,
which is below −10 dB. The measurements for these elements were likely affected by the
directivity of the hydrophone, as this effect is not seen in the receive map. In total, five rows
are not functioning in transmit: rows 1 to 4, and row 48. This means that 400 elements are
defective in transmit, which corresponds to 7% of the elements if we consider only elements
from ASICs 1 to 6. In receive, however, there are significantly more defective rows: 12 in
total. This represents 960 elements, i.e., 17% of the elements from ASICs 1 to 6. Besides the
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Figure 4.7: Sensitivity variation across the transducer elements. (a) Transmit sensitivity. (b) Receive sensitivity.
(c) Transmit sensitivity histogram. (d) Receive sensitivity histogram.

defective rows, many elements in ASICS 1 and 2 show a lower sensitivity (below −10 dB)
in receive. Further observations regarding defective elements will be presented later in
Section 4.4.

Figure 4.7c shows the histogram of transmit sensitivity. As seen, about 3900 elements
are within the 0 dB to -6 dB level. This represents 72% of the elements if we consider only
functioning elements (i.e., elements located in defective/missing rows are not counted). In
receive, as shown in the histogram in Figure 4.7d, about 2800 elements have a sensitivity
above −6 dB. This represents 58% of the functioning elements.

4.3.2 Time and frequency response
Figure 4.8a shows the transmit pressure wave for a single transducer element (blue solid
line), recorded with the hydrophone at z=200 mm, together with its fast Fourier transform
(red dashed line). Note that there is a second pulse present in the time domain response,
with a delay of about 1.5 µs from the main pulse (see black arrow in the figure). This is
likely due to reflections from the back side of the ASIC. The second pulse exhibits a peak
frequency of about 5 MHz, as seen in the frequency spectrum in Figure 4.8b.

In Figure 4.9, the time and frequency responses for all working elements of the trans-
ducer are presented. In the figure, the color of each pixel represents the count of the
number of occurrences in that pixel. In the time domain response shown in Figure 4.9a,
the time delays between the signals have been corrected using cross-correlation.
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Figure 4.8: (a) Time and frequency domain response for a single element. (b) Close-up look at the second pulse.
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Figure 4.9: Time and frequency domain responses for all elements. (a) Envelope of the time signals. (b) Frequency
spectrum.

The transmit performance of the transducer is summarized in Table 4.2 in terms of peak
pressure, center frequency, −6 dB bandwidth, and ringing time, which is defined as the time
interval for the envelope amplitude to decrease below −20 dB of its corresponding peak.
The listed values represent the mean and standard deviation over the working elements
(i.e., rows 1-4 and 48 are neglected in the calculations).

Table 4.2: Transmit performance of the prototype transducer.

Parameter Value

Peak pressure (kPa) 0.6 ± 0.2
Center frequency (MHz) 7.5 ± 0.6
Bandwidth -6 dB (%) 46 ± 14
Ringing time -20 dB (µs) 0.30 ± 0.15

4.3.3 Directivity pattern
Figure 4.10 shows the measured directivity pattern of nine arbitrarily selected elements in
transmit together with the corresponding averaged directivity pattern (black solid line) and
the simulated result (blue dashed line). The measured directivity pattern differs somewhat
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Figure 4.10: Measured and simulated directivity pattern in transmit. (a) Along the x-direction. (b) Along the
y-direction.

from the simulated one in both directions. As indicated in the figure, the measurements
show a sharp peak with an amplitude of 2.5 dB higher than in simulation at zero degrees.
Ignoring this sharp peak, the directivity pattern along the x-direction exhibits a −6 dB beam
width of about 70 and 105 degrees in measurements and simulations, respectively. This
difference is due to the presence of a dip at ±40 seen in the measurements. In addition,
an extra dip at -4 degrees is also present in the measurements. Along the y-direction, the
measured directivity pattern shows a −6 dB beam width of about 42 degrees, which agrees
well with the simulated one. The dips observed in the simulation at ±40 degrees are not
present in the measurements due to the noise floor, which is about −14 dB.

4.3.4 Dynamic range
Figure 4.11 shows the relation between the received pressure at the transducer surface
and the corresponding ASIC RX output voltage for different TGC and ASIC gain settings.
The plotted values represent the average over all the functioning elements. The received
signal amplitudes were converted from Verasonics output units back to millivolts at the
Verasonics channel input using the results obtained from the electrical characterization
(see Section 4.A). Note that the values ranging from 50 kPa to 1 MPa (gray region in the
figure) were extrapolated based on the trend before and the observed saturation limits.
This was done because we did not apply pressures above 50 kPa to avoid damage to the
transmitting transducer.

It can be seen that the relationship between received pressure and output voltage
is characterized by both linear and non-linear regimes. In the mid-range, where the
curves are nearly linear, we observed an average difference of about 3 dB between most
of the adjacent ASIC gain steps. For the lowest gain, we measured a receive sensitivity
of approximately 55 nV/Pa, whereas for the highest gain the receive sensitivity is about
9 µV/Pa. This corresponds to a total gain range of 44 dB.

In the low-range, the curves are dominated by the noise floor of both the Verasonics
and the ASIC, as indicated in the figure. It is noticeable that the noise floor varies for
different TGC and ASIC gain settings. As seen, the noise floor for higher ASIC gain levels
(gains 11 and 15) remains approximately the same regardless of the TGC changes. From
this perspective, we can conclude that the noise floor is determined exclusively by the
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Figure 4.11: The relation between the received pressure and ASIC output voltage for different gain settings.

ASIC gain. On the other hand, for lower ASIC gain levels (gains 0 to 7), the noise floor
remains basically the same regardless of the ASIC gain changes. Therefore, we can say that
the noise floor for this gain setting is determined by the Verasonics only. Note that TGC
500 exhibits a slightly higher noise floor than TGC 700 and 900 possibly because the noise
floor is significantly determined by both the ASIC and the Verasonics.

In the high-range, the curves are dominated by the saturation levels of the Verasonics
and the ASIC. As noticed in the figure, the saturation level for TGC 900 is about 15 mV,
whereas for TGC 700 it is 60 mV. This is in agreement with the corresponding saturation
levels presented in Section 4.A. However, for TGC 500 we did not observe a saturation at
about 80 mV in the electrical characterization (see Figure 4.14 in Section 4.A). Therefore,
the saturation observed in Figure 4.11 for TGC 500 actually corresponds to the saturation
level of the ASIC (note that the saturation level of the ASIC is irrespective of the ASIC
gain). Because of the observed saturation values for both the ASIC and Verasonics, we
were able to extrapolate the results above 50 kPa.

The receive performance of the prototype transducer for different gain settings is
summarized in Table 4.3. Here, the minimum detectable pressure is defined as the pressure
level at which the SNR becomes 0 dB, whereas the maximum detectable pressure is defined
as the pressure level at which the 1 dB compression is reached.
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Table 4.3: Receive performance for different gain settings. The ”*” indicates extrapolated values

ASIC gain Minimum pressure Maximum pressure Receive sensitivity
(kPa) (kPa) (µV/Pa)

0 30 700* 0.06
3 2 200* 0.15
7 0.3 70* 0.72
11 0.2 20 2.73
15 0.06 4 8.79
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Figure 4.12: (a) Scheme of the wire phantom and numbered wires (the dashed rectangle depicts the field of view
of the transducer). The reconstructed (b) 2D and (c) 3D images.

4.3.5 Imaging
Figure 4.12 shows the schematic representation of the wire phantom together with the
reconstructed 2D and 3D images (the 2D image is one slice of the 3D image). As seen, the
wires numbered 1 to 6 and 11 are well detectable in both the 2D and 3D images. Wires 7, 8,
and 10 were not detected though, and wire 9 was barely detectable. This could be due to
the small effective aperture (contribution of a low number of elements) in reconstructing
the pixels on the edge of the image. The trend of lateral FWHM in Figure 4.13 indicates
that the lateral resolution degrades when the imaging depth increases. The range of lateral
and axial FWHM is almost the same for all the wires except wires 9 and 11 which are
positioned at larger z values. The wide range of FWHM values for each wire mainly comes
from the different sensitivity of the elements of the prototype transducer.
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Figure 4.13: The axial and lateral FWHM for different wires in different elevation planes.

4.4 Discussion
In this work, we have presented a 7.5 MHz prototype transducer for 3D imaging of the
carotid artery. We have built an array of 8 × 1 tiled ASIC integrated with a PZT matrix
consisting of 7680 elements. We have opted to leave a gap in the middle of the array to
reduce the risk of mechanical damage to the ASICs during the manufacturing process due
to misalignment. The current size of the gap is one full ASIC due to the current design of
the daughterboard PCB layout, but if building a large aperture in parts remains necessary
a redesigned PCB can reduce the gap to a single row. Unfortunately, two ASICs still were
malfunctioning due to electrical issues: in ASIC 8, we observed a short in one of the power
supplies to the ASIC during manufacturing and decided not to use this ASIC further. In
ASIC 7, we found a short during the final check before finishing the fabrication and decided
to remove the bond wires for this ASIC. We are currently investigating ways to minimize
damage on the ASICs (both mechanical and electrical) during the fabrication process. One
potential approach is to prefabricate the acoustic stack (i.e., the PZT matrix, matching layer,
and interposer) separately and attach it to the ASIC pads (or gold balls) at a later time. The
procedure of bonding the acoustic stack to the ASIC could be accomplished by using an
anisotropic conductive film, as described in [136]. In addition, the risk of electrical damage,
such as caused by electrostatic discharge (ESD) events, could be significantly reduced if we
are able to effectively ground leakage paths during the assembly of the acoustic stack on
the ASICs. We will explore these possibilities in our future work.

The maps presented in Figure 4.7 show that 72% and 58% of the working elements exhibit
sensitivity variation within −6 dB range in transmit and receive, respectively. On the one
hand, the achieved element yield is sufficient to demonstrate the technology employed in
the prototype transducer, allowing us to evaluate features and test the functionality of the
current design. On the other hand, for imaging purposes or mass production, the element
yield must be improved to avoid defective rows. This is a major problem that needs to be
tackled in our manufacturing process. Regarding rows 1 to 4, which do not work in both
transmit and receive, we found afterward that this was caused by a damaged cable in our
measurement setup. Regarding the rows that do not work only in receive (mostly from ASIC
4), we believe this is due to faulty wire-bonds or damage to the motherboard components.
Besides defective rows, many elements in ASICs 1 and 2 show a lower sensitivity (below
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−10 dB) in receive. These elements probably suffered damage/degradation during or after
the transmit experiments (the transmit and receive measurements were performed in an
interval of one week). The degree of degradation might be verified by repeating the transmit
characterization and comparing with the previous measurements. Regarding the omitted
elements in the map (shown in white), we think that they exhibit a considerably higher
amplitude due to a short in the acoustic stack between multiple elements.

Figure 4.8 and Figure 4.9 show that the time and frequency responses of different trans-
ducer elements are quite similar (based on the number of overlapped pixels in Figure 4.9)
and behave as expected. Based on the measured peak pressure (0.6 kPa) and the transmit
voltage (20 V peak amplitude), we estimate an average transmit efficiency of approximately
30 Pa/V at 200 mm. This value is comparable with our previous prototype with subdiced
elements [179]. On average, the elements have a center frequency of 7.5 MHz and a −6 dB
single way bandwidth of about 45%. However, we have observed that many elements
exhibit a sharp peak at 5 MHz and a dip at 6 MHz, which reduces their bandwidth signifi-
cantly. This is likely caused by the effect of reflections and standing waves from the bottom
side of the transducer, i.e., from the ASICs.

The measured directivity pattern shown in Figure 4.10 follows the trend of the simulated
one in both directions but deviates significantly in specific points. These deviations can be
explained by a combination of both electrical and acoustical crosstalk (see Section 4.B for
details). The electrical crosstalk in our case means that all elements of a row are somewhat
excited when an electrical pulse is sent to the transmit bus of that row. This is likely the
cause of the sharp peak of 2.5 dB at 0 degrees. Since this type of crosstalk only happens
in transmit, the sharp peak will be absent in the receive directivity pattern. Furthermore,
because we intent to use at least half of the elements on a row in transmit, the peak will
not affect the images generated by this probe. Along the x-direction, the dips observed
at ±40 degrees are likely caused by acoustical crosstalk. Since the prototype transducer
was designed to operate with low steering angles, these dips are not considered to be
important. Previously, in the design without an interposer layer, we also observed peaks at
±20 degrees in the directivity pattern. With the interposer, there is now an attenuating
medium in between the elements and the ASIC and due to that these peaks do not show up
anymore. This suggests that the employed interposer layer helps to reduce the crosstalk
due to the propagation of Lamb waves in the ASIC.

As seen in Figure 4.11, the minimum detectable pressure of 60 Pa is limited by the
noise floor of the ASIC for gain 15. On the other hand, the maximum detectable pressure is
about 700 kPa, which is limited by the saturation level of the ASIC for gain 0 and TGC 500.
Therefore, the overall dynamic range of the prototype transducer is about 81 dB, which is
sufficient for carotid imaging applications [187].

The performance of the prototype transducer was tested by imaging a commercial wire
phantom, as shown in Figure 4.12 and Figure 4.13. The figure proves the applicability of
the prototype for plane wave 3D imaging, however further evaluation of beamforming
image quality needs to be performed in the future.
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4.5 Conclusion
We have demonstrated the design, fabrication, and characterization of a PZT matrix trans-
ducer with integrated electronics. The ASIC architecture together with the subdicing of the
piezo elements allowed us to effectively reduce the channel count to 120 transmit and 120
receive channels. The prototype transducer was targeted to have 7680 elements built on
top of 8×1 tiled ASICs, however, two ASICs were damaged during the fabrication process.
On average, the individual elements of the transducer exhibited a transmit efficiency of
30 Pa/V at 200 mm and a −6 dB bandwidth of 45%. The receive dynamic range is 81 dB with
a minimum and maximum detectable pressure of 60 Pa and 700 kPa, respectively. Overall,
the characterization results are promising and encourage us to pursue further up-scaling
by fabricating a larger PZT matrix transducer on 10×1 tiled ASICs. In this way, we expect
to realize a fully populated matrix consisting of about 10 000 elements in the near future.
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Appendix

4.A Electrical characterization
Table 4.4 shows the relationship between the output voltage of the ASIC (connected to
the Verasonics input channel) and the output of the Verasonics for different TGC settings.
The curves show that for TGC levels of 100, 300, and 500, the Verasonics signals are
always linear in the range evaluated. However, with TGC levels of 700 and 900, nonlinear
deformation of the signal is observed above 5500 units (shown by the dashed lines) due
to the saturation of the Verasonics output. Table 4.4 presents the maximum acceptable
input voltage (determined using the 1 dB compression point), the corresponding Verasonics
output, and the gain in the linear range at each TGC setting. By increasing the TGC, the
Verasonics gain is increased, however, the maximum acceptable input voltage in the linear
regime is decreased.
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Figure 4.14: Relation between the input and output of the Verasonics V1 system for several TGC gains at 7.5 MHz.

Table 4.4: Characterization of the Verasonics V1 system for different TGC settings.

TGC Maximum input (mV) Verasonics output Slope (1/mV)

100 310 1245 4.1
300 310 2315 7.6
500 185 5497 31.4
700 45 5514 129.3
900 11 5602 543.3
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4.B Crosstalk analysis
Herein, we investigate whether the differences observed between the simulated and ex-
perimental directivity patterns could be explained by interelement crosstalk present in
the prototype transducer. Since our measurement setup and transducer configuration do
not allow us to measure the crosstalk directly, we analyzed the possible effects of both
electrical and acoustical crosstalk on the directivity pattern via simulations. For this, we
used the ultrasound simulator FOCUS, as explained previously (see Table 4.1), to simulate
the directivity pattern of the transducer elements excited with different amplitudes and
time delays to mimic the crosstalk [188], [189]. In all simulations, we used an array of 31
elements with the active element being the central one.

For the electrical crosstalk simulations, the neighboring passive array elements were
excited simultaneously with an equal amplitude between them but lower amplitude as
compared to the active element, as shown in Figure 4.15a. With regard to the acoustical
crosstalk, we hypothesized that there were two different kinds of acoustical crosstalk
happening. First, we assumed that the vibration of the active element will generate wave
propagation through the interposer layer that will induce a vibration in the neighboring
elements. To simulate this, the passive elements were excited with amplitudes and delays
based on the distance from the active element, as shown in Figure 4.15b. Second, we
hypothesized that there will also be crosstalk via a non-attenuating medium such as the
ASIC. Here the delays are again based on the distance from the active elements, but the
amplitude of the passive elements are the same, as shown in Figure 4.15c. The crosstalk
analysis was performed only along the x-direction.

Figure 4.16a shows the effect of each simulated crosstalk on the directivity pattern. As
can be seen, the electrical crosstalk introduces a sharp peak at zero degrees. We observed
that the magnitude of the sharp peak is determined by the amplitude of the passive elements.
Regarding the acoustical crosstalk via the interposer, the beam is narrowed and two bumps
appear whose position is determined by the velocity of the medium. Finally, the acoustical
crosstalk via the non-attenuating material generates two dips or peaks, depending on the
phase.

To investigate the combination of electrical and acoustical crosstalk, we swept through
different values of amplitudes and time delays in order to fit the simulated data to the
experimental one. Figure 4.16b shows the result of the fitting procedure and Table 4.5 lists
the values of amplitudes, time delays, and propagation speeds used to fit the curve. As seen,
the trend of the simulated directivity pattern with crosstalk follows the experimental curve.
This result suggests that the extra peak and dips observed in the measured directivity
pattern could be caused by a combination of electrical and the two types of acoustical
crosstalks. Note, however, that the value of propagation speed in the non-attenuating
medium differs significantly from the propagation speed of Lamb waves in the ASIC [86],
which suggest that this kind of crosstalk goes via another layer.

For our purposes, this brief analysis suffices to represent the contribution from different
types of crosstalks in the directivity pattern. An in-depth simulation study of crosstalk is
left for a later work as this is beyond the scope of this paper.
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Figure 4.16: Directivity pattern along the x-direction. (a) Effect of individual crosstalks. (b) Effect of the combined
crosstalk.

Table 4.5: Parameters for crosstalk simulations. *Between adjacent elements.

Electrical Acoustical (non-attenuating) Acoustical (attenuating)

Amplitude −30 dB −20 dB −3.5 dB*
Time delay* - 0.0612 µs 0.0833 µs
Propagation speed - 2450 m/s 1800 m/s
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5
Two-Stage Beamforming for

Phased Array Imaging using the
Fast Hankel Transform

An ultrasound scan generates a huge amount of data. To form an image this data has
to be transferred to the imaging system. This is an issue for applications where the data
transfer capacity is limited such as hand-held systems, wireless probes and miniaturized
array probes. Two-stage beamforming methods can be used to significantly reduce the data
transfer requirements. In the first stage, which is applied in-probe, the amount of data is
reduced from channel to scanline data. In the imaging system the data is then beamformed
to obtain images that are synthetically focused over the entire image. Currently two
approaches exist for the second stage. The first approach is a time-of-flight approach called
synthetic aperture sequential beamforming (SASB) that has been developed for both linear
and phased arrays. SASB does however introduce artefacts in the image that can be reduced
by tapering the first stage scan lines at the cost of lateral resolution. The second approach is
based on the wave equation, but a computationally efficient method for phased arrays that
is producing sector scan data is lacking. Here we propose an algorithm that uses the fast
Hankel transform to obtain a fast algorithm. The imaging performance of this method is
evaluated with simulations and experiments. Compared with PSASB, which is an adaption
of SASB for phased arrays, our method requires a similar amount of operations to construct
the entire image and there is no trade-off between resolution and artefacts. These results
show the advantage of using the wave equation instead of a time-of-flight approach.

This chapter has been published as:
F. Fool, J. De Wit, H. J. Vos, D. Bera, N. De Jong, and M. D. Verweij, “Two-Stage Beamforming for Phased Array
Imaging Using the Fast Hankel Transform,” IEEE Transactions on Ultrasonics, Ferroelectrics, and Frequency Control,
2019, doi: 10.1109/TUFFC.2018.2885870

https://doi.org/10.1109/TUFFC.2018.2885870
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5.1 Introduction
An ultrasound scan generates a huge amount of data. To form an image this data has to be
transferred from the probe to the imaging system. For the standard systems found in most
hospitals this is not an issue as each element in the probe can be wired out individually.
It is an issue for portable hand-held systems, that could for example be used in remote
areas, emergency rooms and for use in primary care [190], [191], and probes that are used
in size-restricted areas such as Intravascular Ultrasound. As a specific example consider
a portable system to be used in remote areas. From a cost perspective smartphones or
tablets would be preferred as imaging system. The probe then has to be able to connect via
USB or WiFi to the imaging system. The data transfer requirements for a typical phased
array configuration is 1.5 GB/s, assuming 30 frames per second, 128 scanlines per frame,
128 channels per scanline, 2048 samples per trace and 12 bit per sample. While the latest
USB standard (3.2 Gen 2x2) would just be able to transfer this amount, the current WiFi
standards (802.11ac) cannot. Data reduction is thus required.

A first line of thought might be to construct the image in-probe using Dynamic Receive
Focusing (DRF). This would compress the channel data to scanline data. This means that
instead of 1.5 GB/s the amount of data would be reduced to 12 MB/s, which is well within
the limits of current USB and WiFi standards. In-probe DRF will thus significantly reduce
the amount of data. However, the current on-chip DRF solutions [192]–[194] are either
too large, have a limited frame rate or a decreased resolution. A method with a reduced
in-probe complexity is wanted.

Dynamic receive focusing can be combined with Retrospective Transmit Focusing to
improve the lateral resolution [195]. However, depending on its implementation this either
implies no data reduction or an even more complex first stage.

Two-stage beamforming is an alternative approach for data reduction [77]–[79], [196]–
[199]. The first stage consists of a simple single focus Delay-And-Sum (DAS) that reduces
the amount of data from channel to scanline data. In the second stage the scanline data is
further beamformed in the imaging system to obtain images that are synthetically focused
over the entire image. Two-stage beamforming has two main advantages over in-probe
DRF. First, the in-probe algorithm has a much lower complexity, allowing for smaller
probes and less power dissipation. Second, the lateral resolution is better [77]–[79].

Currently there are two approaches available for the second stage: a time-of-flight
(TOF) approach based on geometrical path length and an approach based on the wave
equation. The first approach is called synthetic aperture sequential beamforming (SASB)
and has been developed for linear and phased array imaging [77], [78] the latter called
Phased SASB (PSASB). SASB has already been tested in clinical conditions and found to be
at least as good as DRF [196], [197]. Furthermore, the feasibility of a wireless ultrasound
probe in combination with consumer-level mobile devices that use SASB for beamforming
has been demonstrated by Hemmsen et al. [198], [199]. A wave equation approach for
linear array imaging has been developed by Vos et al. [79], based on Stolt migration [200],
[201]. The main advantage of this approach over SASB is the computational efficiency. A
better image quality might also be expected because the wave equation is used instead of
a TOF approach [80]. However, superior performance in terms of image quality has not
been demonstrated with a linear array [79].
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A wave equation approach has not yet been developed specifically for the second stage
of a two-stage beamforming method for phased array imaging. However, a similar method
for a single scanning element on a cylinder does exist [202]. It is possible to adapt this
method for phased array imaging, but it is computationally inefficient because one of
the integrations cannot be performed using a Fast Fourier Transform (FFT). The latter
problem does not arise with Stolt migration used for linear arrays, where after a change
of integration variables all integrations can be done using FFTs. Therefore, this specific
implementation is not very suitable as a basis for real-time imaging using phased arrays.

In this paper, which is an extension of an earlier proceedings paper, we will develop a
computationally efficient two-stage beamforming method for phased array imaging that
we will refer to as Phased Array Migration (PAM). The first stage consists of conventional
phased array imaging with a single focus in both transmission and reception. The focal
points in the first stage can be considered as virtual point sources and point receivers with
a limited opening angle doing pulse-echo measurements [77]–[79], [203]. The second stage
is based on the wave equation in polar coordinates. To make it computationally efficient
a change of variables is introduced after which a Fast Hankel Transform (FHT) can be
applied. We will show that our method contrary to PSASB has no trade-off between lateral
resolution and artefacts, and that the computational performance of our implementation is
very similar to PSASB.

This paper is structured as follows. Section 5.2 describes the general concept and gives
the derivation of the migration and the subsequent implementation. In section 5.3 the
simulation and experimental setups are described, of which the results are presented in
section 5.4. Section 5.5 discusses the developed method and section 5.6 concludes this
paper.

5.2 Concept andTheory
5.2.1 Concept
To use the concept of virtual sources/receivers, the time origin of the first stage scan lines,
which are made with a fixed focus in transmit and receive, are shifted according to

𝑡′ = 𝑡 −2
𝑟𝑓
𝑐
, (5.1)

in which 𝑡 is the original time, 𝑡′ is the shifted time, 𝑟𝑓 is the first stage focal depth and 𝑐 is
the speed of sound in the medium. This time shift splits the dataset in two parts: for 𝑡′ < 0
the data originates from the pre-focal zone (𝑟 < 𝑟𝑓) and for 𝑡′ > 0 the data originates from the
the post-focal zone (𝑟 > 𝑟𝑓). This is also shown in Figure 5.1. The shifted data is effectively
assumed to originate from a pitch-catch configuration of virtual point sources/receivers
located at the focal points.

The signal that is received from a scatterer by a virtual receiver has travelled through the
medium twice: from the source to the reflector and back to the receiver. Since the source
and receiver have the same location, these two paths are identical. Hence, the recorded
signal is, apart from the amplitude, similar to a signal originating from a transmission
at 𝑡′ = 0 at the scatterer position that has travelled with an effective speed ̂𝑐 = 𝑐/2. This
approach is called the exploding reflector model (ERM) [201]. Every scattering event can be
regarded as a sound emission at 𝑡′ = 0, that propagates with speed ̂𝑐 and which amplitude
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Figure 5.1: Schematic overview of the geometry for phased array migration.

is proportional to the strength of the scattered signal. The position and strength of the
scatterers can be determined by back-propagating the recorded field with speed ̂𝑐 to a
certain depth and evaluating the field at 𝑡′ = 0.

5.2.2 Theory
Stolt migration has been derived in Cartesian coordinates for a linear scan with sources/re-
ceivers that are located on a straight line [79]. A detailed derivation of this algorithm
is given by Margrave [201]. In a sector scan the virtual sources/receivers are located
on a semi-circle that is centred at the transducer midpoint as shown in Figure 5.1. Stolt
migration is therefore not applicable to this geometry. Hence, we will show the derivation
of a similar algorithm for this geometry below.

Phased Array Migration
The Helmholtz equation in polar coordinates reads [204]

𝑟2
𝜕2 ̃𝑝
𝜕𝑟2

+ 𝑟
𝜕 ̃𝑝
𝜕𝑟

+
𝜕2 ̃𝑝
𝜕𝜃2

+ 𝑟2𝑘2 ̃𝑝2 = 0, (5.2)

in which
𝑟 = √𝑥2 +𝑧2

𝜃 = arctan(
𝑥
𝑧
) ,

(5.3)

are the polar coordinates, 𝑥 and 𝑧 are the Cartesian coordinates, ̃𝑝 is the Fourier transform
of the acoustic pressure field and 𝑘 = 2𝜋𝑓 / ̂𝑐 is the wavenumber. This equation can be solved
by separation of variables, so we write

̃𝑝 = 𝑅(𝑟)Θ(𝜃), (5.4)
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and substitute this in (5.2) to get

𝑟2

𝑅
𝜕2𝑅
𝜕𝑟2

+
𝑟
𝑅
𝜕𝑅
𝜕𝑟

+
1
Θ
𝜕2Θ
𝜕𝜃2

+ 𝑟2𝑘2 = 0. (5.5)

We can separate this partial differential equation in two ordinary differential equations for
Θ and 𝑅

1
Θ
𝜕2Θ
𝜕𝜃2

= −𝑚2, (5.6)

𝑟2

𝑅
𝜕2𝑅
𝜕𝑟2

+
𝑟
𝑅
𝜕𝑅
𝜕𝑟

+ 𝑟2𝑘2 −𝑚2 = 0, (5.7)

where 𝑚 is a constant. Equation (5.6) has the general solution

Θ(𝜃) = 𝑎1,𝑚𝑒−𝑖𝑚𝜃 +𝑎2,𝑚𝑒𝑖𝑚𝜃, (5.8)

in which the boundary condition Θ(𝜃) = Θ(𝜃 +2𝜋) makes that 𝑚 can only have real integer
values.

After introducing the new radial coordinate 𝜌 = 𝑘𝑟, (5.7) can be rewritten as

𝜕2𝑅
𝜕𝜌2

+
1
𝜌
𝜕𝑅
𝜕𝜌

+𝑅(1−
𝑚2

𝜌2
) = 0, (5.9)

which is known as Bessel’s differential equation [205]. This has the general solution

𝑅(𝜌) = 𝑏1,𝑚𝐻
(1)
𝑚 (𝜌)+𝑏2,𝑚𝐻

(2)
𝑚 (𝜌), (5.10)

where 𝐻 (1)
𝑚 and 𝐻 (2)

𝑚 are the 𝑚th order Hankel functions of the first and second kind. From
their asymptotic expansions [205] it follows that 𝐻 (1)

𝑚 represents a wave that propagates
toward the origin and 𝐻 (2)

𝑚 represents a wave that propagates away from the origin. A
general solution to the polar wave equation must contain all possible 𝑚.

To form an image from the measured wavefield at the virtual receivers, first the recorded
field has to be transformed to the frequency and angular Fourier domain using the trans-
formation

̃𝑝(𝑟𝑓,𝑚,𝑓 ) = ∫
∞

−∞
∫
2𝜋

0
𝑝(𝑟𝑓, 𝜃, 𝑡′)𝑒𝑖(−𝑚𝜃+2𝜋𝑓 𝑡′)𝑑𝜃𝑑𝑡′. (5.11)

Next, the data is propagated to a new depth using the effective speed ̂𝑐 = 𝑐/2. For the post-
focal zone (𝑟 > 𝑟𝑓) we note that for these depths there are only waves travelling towards
the origin that originate from the exploding scatterers. This means that only 𝐻 (1)

𝑚 is of
importance. In view of (5.10) we can therefore write

̃𝑝(𝑟 ,𝑚,𝑓 ) = ̃𝑝(𝑟𝑓,𝑚,𝑓 )
𝐻 (1)
𝑚 (𝑘̂𝑟)

𝐻 (1)
𝑚 (𝑘̂𝑟𝑓)

, (5.12)



5

82 5. Two-Stage Beamforming for Phased Array Imaging

in which 𝑘̂ is the wavenumber containing the effective speed ̂𝑐. The final step is to take
the inverse Fourier Transform over 𝜃 and evaluate the field at 𝑡′ = 0, which is the time at
which the scatterers exploded in the ERM. The resulting expression is

𝑝(𝑟 ,𝜃, 𝑡′ = 0) =
∞
∑

𝑚=−∞
∫
∞

−∞
̃𝑝(𝑟𝑓,𝑚,𝑓 )

𝐻 (1)
𝑚 (𝑘̂𝑟)

𝐻 (1)
𝑚 (𝑘̂𝑟𝑓)

𝑒𝑖𝑚𝜃𝑑𝑓 . (5.13)

This solution is valid for a scatterer in the post-focal zone (𝑟 > 𝑟𝑓). The solution in the
pre-focal zone (𝑟 < 𝑟𝑓) can be obtained by replacing 𝐻 (1)

𝑚 by 𝐻 (2)
𝑚 , as for these depths the

waves are travelling away from the origin towards the virtual receivers, and reversing the
time axis (i.e. 𝑡′ →−𝑡′) before calculating ̃𝑝 using (5.11).

Fast Hankel Transform
In its current form (5.13) cannot be completely evaluated using FFTs only. A similar problem
in Cartesian coordinates was solved by Stolt, who changed the integration variables after
which all integrations could be evaluated using FFTs [200]. Here there is a ratio of two
Hankel functions instead of a complex exponential and therefore exactly the same approach
is not possible. However, we can look more closely at the parts in (5.13) that contain the
frequency

̄𝑝(𝑟 ,𝑚) = ∫
∞

−∞

̃𝑝(𝑟𝑓,𝑚,𝑓 )

𝐻 (1)
𝑚 (𝑘̂(𝑓 )𝑟𝑓)

𝐻 (1)
𝑚 (𝑘̂(𝑓 )𝑟)d𝑓 , (5.14)

in which ̄𝑝 is the pressure transformed with respect to the angle only. The above equation,
which has to be computed separately for each angular frequency, is very similar to a Hankel
transform [206]. However, there are two main differences. First of all, the integration is
from −∞ to +∞ instead of from 0 to +∞. A solution is to calculate the integral for positive
and negative frequencies separately. A better solution is to drop the integration over the
negative frequencies. This is similar to computing the discrete time analytic signal by
setting the negative frequencies to zero [207]. This will save computation time in the
second stage and because the analytic signal can be used to calculate the envelope of the
signal, which is done before image display, it can also save time later in the process. The
second difference is that the integration kernel is not a Bessel function of the first kind, but
a Hankel function. However, it is still possible to apply the same kind of algorithms. We
have applied the same approach as used for the Quasi fast Hankel transform algorithm by
Siegman [206]. The basic idea is to introduce the following change of variables

𝑓 = 𝑓0𝑒+𝛼𝑥,
𝑟 = 𝑟0𝑒−𝛼𝑦.

(5.15)

This change will turn (5.14) for the positive frequencies into an equation of the form

𝑟0𝑒−𝛼𝑦 ̄𝑝(𝑦,𝑚) = ∫
∞

−∞

̄𝑝(𝑥,𝑚)

𝐻 (1)
𝑚 (𝑥)

𝐻 (1)
𝑚 (𝑥 −𝑦)d𝑥. (5.16)

Equation (5.16) has the form of a convolution integral, except that the argument of the
rightmost Hankel function is 𝑥 −𝑦 instead of 𝑦 −𝑥. Still, by using the time-reversal property
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the above equation can be computed using Fourier Transforms as

𝑟0𝑒−𝛼𝑦 ̄𝑝(𝑦,𝑚) = ℱ −1 [ℱ(
̃𝑝(𝑥,𝑚)

𝐻 (1)
𝑚 (𝑥)

)[ℱ(𝐻 (1)
𝑚 (𝑥 −𝑦))]

∗
] . (5.17)

The above equation is significantly more computationally efficient than (5.14) evaluated
using a matrix multiplication. However, the requirement of exponentially spaced grids
prevent direct application. To solve this nonuniform Fourier Transforms can be used in
(5.17) to apply the algorithm on linearly spaced grids. This approach called the nonuniform
fast Hankel transform (NUFHT) has been introduced by Liu and Zhang [208].

Required line density and expected angular frequencies
The scan line density is an important parameter in the first stage of the imaging process. This
parameter determines the density of the virtual point receivers that sample the wavefield
and ultimately determines the maximum frame rate. Spatial aliasing can be avoided by
choosing the distance between the virtual receivers less than one half of the effective
wavelength. This requirement can be described by [79, eq.12]

Δ𝜃 ≤
̂𝑐

2𝑟𝑓𝑓max sin𝛼
(5.18)

in which Δ𝜃 is the angle between subsequent ray lines, 𝑓max the highest frequency in the
signal and 𝛼 is the half width opening angle that can be geometrically approximated as [78]

𝛼 ≈ tan−1(
𝐷cos𝜃
2𝑟𝑓

), (5.19)

in which 𝐷 is the aperture width and 𝜃 is the angle of the ray line as shown in Figure 5.1.
The required line density gives a limit on the expected angular frequencies. The

maximum angular frequency 𝑚 for a frequency 𝑓 is

𝑚max(𝑓 ) =
2𝜋𝑟𝑓𝑓sin𝛼

̂𝑐
, (5.20)

which can be derived from (5.18) using

𝑚max =
𝜋
Δ𝜃

(5.21)

and noting that the required spacing is different for each frequency. This limitation on
the angular frequency can be used to design a filter that effectively takes into account the
limited opening angle of the virtual point sources/receivers. Frequencies that lie outside
the maximum expected frequencies are just noise. This filter is due to its form very similar
to velocity filters often used in seismic data processing [209].

5.2.3 Implementation
After the single focus scan lines are obtained in the first stage of the imaging process,
the second stage beamforming algorithm is applied to the data. The numerical algorithm
consists of several subsequent operations:
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1. Shift the time origin of the image lines to points on a semi-circle with radius 𝑟𝑓.
2. Expand the sector of scanlines to a full circle by zero-padding in the angular direction.
3. Transform 𝑝(𝑟𝑓, 𝜃, 𝑡′) to ̃𝑝(𝑟𝑓,𝑚,𝑓 ) by applying a 2D Fast Fourier Transform (FFT).
4. Apply a filter to account for the limited opening angle of the virtual sources/receivers.
5. Transform 𝑓 to 𝑟 for each angular frequency 𝑚 using the NUFHT.
6. Take the Inverse Fast Fourier Transform (IFFT) in the angular direction.
7. Discard the ray lines from outside the scanning region.

By using the entire time domain signal in this calculation, and not separating the signals
from pre- and post-focal zones, we obtain two important advantages. As the FFT assumes
periodic time, circularly connecting the high intensity signal from the focal region to
the tapered signal at the domain will result in Gibbs phenomena. Using the entire time
signal provides continuity at the boundary between the zones, thereby avoiding Gibbs
phenomena that would disturb the final image in the focal region. A second and even
greater advantage is that by using the entire time domain signal the far field and the near
field region can be reconstructed with the same calculation. Originally, for the calculation
of the image in the pre-focal zone the time axis is reversed (i.e. 𝑡′ →−𝑡′) before applying
the Fourier transform and the Hankel function of the second kind is used instead of the
first kind. Instead of reversing the time axis, we can make use of the time reversal property
of the Fourier transform and thus replace 𝑓 by −𝑓. By substituting 𝑓 ′ = −𝑓 (which implies
𝑘̂′ = −𝑘̂), we get

̃𝑝(𝑟𝑓,𝑚,−𝑓 )
𝐻 (2)
𝑚 (𝑘̂𝑟)

𝐻 (2)
𝑚 (𝑘̂𝑟𝑓)

→ ̃𝑝(𝑟𝑓,𝑚,𝑓 ′)
𝐻 (1)
𝑚 (𝑘̂′𝑟)

𝐻 (1)
𝑚 (𝑘̂′𝑟𝑓)

, (5.22)

in which we used that 𝐻 (2)
𝑚 is the complex conjugate of 𝐻 (1)

𝑚 for real arguments [205, eq.
9.1.40], which results in 𝐻 (2)

𝑚 (𝑘̂𝑟𝑓) being equal to 𝐻 (1)
𝑚 (−𝑘̂𝑟𝑓). So the replacement of 𝑓 by −𝑓

and the change of the Hankel function mutually cancel and the same expression is used
for the far field. Hence, the entire image can be reconstructed with the same calculation.

The expansion to a full circle in step 2 is needed to let the periodic boundary condition
in angular direction coincide with the periodicity of the FFT. For this step, it is necessary
that Δ𝜃 = 2𝜋/𝑛 with 𝑛 an integer value. Otherwise, 𝑚 is no longer an integer value when
we perform the Fourier expansion with a FFT.

The filter in step 4 is implemented as a filter with a hard cut-off based on (5.20) for an
unsteered beam (i.e. 𝜃 = 0). This means that all |𝑚| > 𝑚max(𝑓 ) are set to zero. Usually, this
kind of filter produces distortions [210], but there are two reasons why this filter can be
used with no problem in our case. First, the maximum angular frequency decreases for
higher steering angles and therefore the end of the domain is already slightly tapered. More
importantly, due to the use of apodization the effective aperture decreases and therefore
also the maximum angular frequency. Due to this the hard cut-off of the filter is already
separated from the actual angular frequencies in the signal.

For the nonuniform Fast Fourier Transform (NUFFT) used in step 5 we used the imple-
mentation by Fessler and Sutton [211]. This NUFFT uses an upsampled FFT in combination
with a frequency domain interpolation. This particular implementation has a proven low
error count [212], [213].
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5.2.4 Comparison with Phased Synthetic Aperture Sequential Beam-
forming and Dynamic Receive Focusing

We will compare our method with Phased Synthetic Aperture Sequential Beamforming
(PSASB) method, an adaption of SASB for phased array imaging. This first stage of PSASB
is the same as in our method, but in the second stage the image is beamformed using
DAS [77], [78]. The delays for the contributing sources/receivers are calculated from the
geometrical path length to the image point. The scan lines that contribute to an image point
are selected based on the opening angle. For the comparison we use the implementation
for phased array data as used by Bera et al. [78]. The contributions of each scan line are
weighted using two different windows:

• PSASB 1: a boxcar window, i.e. no weighting of contributing lines.
• PSASB 2: a Hann window, as is done in literature [78].

By using an equal weight for all first stage scan lines in the second stage the lateral
resolution will be better as effectively a larger virtual aperture size is used compared to
the case where the outer lines have a lower weight. However, the sidelobe level is higher
[203], which might appear in the final image as artefacts.

We will also compare our method with Dynamic Receive Focusing (DRF) as SASB is
often compared with this method in literature [77], [78].

5.2.5 Beamwidth and lateral resolution
One of the quality criteria of an ultrasound imaging system is the lateral resolution, which
is often defined as the full-width-at-half-maximum (FWHM) or −6 dB width of the pulse-
echo point spread function. In most literature, the theoretical beam width is calculated for
continuous waves at the centre frequency of the pulse and in the far field approximation.
In case broad-band pulses and apodization are used, the PSF width differs significantly
from that theoretical value. To correctly account for the broad-band pulse and apodization
the far field theoretical beamwidth is determined using the Fraunhofer approximation of
the Rayleigh-Sommerfeld integral. A more detailed explanation of how the beamwidth is
calculated can be found in the appendix.

5.3 Methods and Materials
5.3.1 Experimental setup
Experiments were conducted to investigate the performance of our technique. We used
a phased array transducer (ATL P4-1, Phillips Ultrasound, Bothel, Washington, USA)
connected to a Verasonics Vantage system (Verasonics Inc., Kirkland, Washington, USA).
The system was programmed for a phased array scan with 256 scan lines in a 90° arc, which
gives a line density that is more than sufficient according to (5.18). The received data of
each element was filtered using a fourth-order Butterworth bandpass filter with −6 dB
cut-off points at 1 and 4 MHz, and stored for further processing. This data is used as basis
for all imaging methods.

Two different phantoms have been used in the measurements: a phantom with thin
copper wires in a water bin and a tissue mimicking phantom. The wire phantom is custom
built from two boards with holes, between which thin copper wires with a diameter of
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(a) (b)

Figure 5.2: (a) The phantom with copper wires and (b) the layout of the tissue phantom.

120 µm are attached as line scatterers, as shown in Figure 5.2a. The vertical distance between
the wires is about 10 mm and the horizontal distance about 8 mm. Other experiments are
performed on a commercial tissue mimicking phantom (040-GSE, CIRS, Norfolk, Virginia,
USA) with nylon wires and cysts with varying scattering properties. For the measurements
on both phantoms, a Hamming window apodization was applied in both transmission and
reception for all methods. The experimental settings are summarized in Table 5.1.

For the first stage beamforming a straightforward single focus delay-and-sum (DAS)
algorithm was used. In order to avoid discretization errors, the time delays between the
elements were applied as phase shifts in the frequency domain. The radial grid spacing for
the two-stage beamforming methods was chosen to be 1/4 of the wavelength corresponding
to the centre frequency, which is the same spacing as used for DRF. For DRF and the second
stage of PSASB the data were first upsampled using Matlab’s resample function from 10 to
100 MHz to avoid discretization errors. The greyscale images were made by first applying
a time gain compensation such that the amplitudes of the central row of scatterers were
close to 0 dB. After this the envelope of the time domain signal for each radial image line
is calculated. Finally, the amplitude is log compressed and displayed on a Cartesian grid.

5.3.2 Simulations
Simulations have been performed using FieldII [113], [114] only for the wire phantom.
To obtain results similar to the measurements, the pulse-echo response of one central
element of the probe has been measured and used as excitation pulse in the simulations.
The data has been simulated with a sampling rate of 100 MHz, but before further processing
the data was downsampled to 10 MHz. After this, the data were processed equally to the
measurement data.
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Table 5.1: Parameters used in the experiments.

Parameter Value

Transducer Center frequency 2.5 MHz
Number of elements 96
Pitch 295 µm
Element width 245 µm

Scan settings Excitation 1 cycle with equalization
Apodization Hamming
Sampling frequency 10 MHz
Number of scanlines 256
Scan angle ±45o

Focal depth 30 mm

Wire phantom Wire material Copper
Wire diameter 120 µm
Medium speed of sound 1487 m/s
Medium attenuation Negligible

Tissue phantom Model CIRS 040GSE
Imaging depth 170 mm
Medium attenuation 0.5 dB/(MHz cm)

5.3.3 Measures of image quality
The quality of the images was evaluated on the basis of the −6 dB lateral PSF width and
the contrast-to-noise-ratio (CNR). The lateral PSF width was determined from the vertical
row of line scatterers in both phantoms. All data was linearly interpolated in the angular
direction before determining the lateral width. The −6 dB lateral width is compared with
the width obtained from the Rayleigh-Sommerfeld integral.

The effect of the 𝑓-number on the −6 dB lateral resolution was investigated for 𝑓-
numbers between 0.25 and 4. The 𝑓-numbers were varied by changing the focal depth for
a constant aperture. Measurements on the wire phantom with apodization were used for
this evaluation.

The imaging performance for a anechoic cyst is evaluated using the CNR that is defined
as [214]

CNR =
||𝜇𝑠 −𝜇𝑐||

√(𝜎2𝑠 +𝜎2𝑐 )
, (5.23)

in which 𝜇𝑐 and 𝜇𝑠 are the mean amplitudes in the cyst region and the speckle region
before log compression, and 𝜎𝑐 and 𝜎𝑠 are the corresponding variances. These values
are calculated for 2 anechoic cylinders of 6.7 mm diameter that are present in the tissue
phantom at a depth of 15 and 45 mm and 4 cylinders of 10 mm diameter at depths of 70,
100, 130 and 160 mm. The background region is chosen to be a ring around the cyst with
the same area as the region where the cyst statistics are calculated. This ensures that for
the calculation of the statistics approximately the same amount of points are used for the
cyst and background region. The edges of the cysts are excluded from the calculation so
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that changes in resolution do not affect the contrast [215]. Here we used 0.6 or 0.8 of the
cyst diameter for the small and large cysts respectively as statistics region. To limit the
effect of probe placement and the exact areas that are used to calculate the CNR, eleven
measurements have been done on the same cysts and the calculated CNRs have been
averaged. Between the measurements the probe was shifted or rotated.

5.4 Results
5.4.1 Wire phantom
Figure 5.3 shows the images obtained with the four methods using simulation data. The
wires appear at the same position in each image, but the lateral width differs between the
images. With DRF the largest lateral width is obtained, while PAM and PSASB 1 appear
to obtain the smallest lateral width. There is however a distinct difference between PAM
and PSASB 1. In the image of PSASB 1 artefacts appear around the point scatterers that
become wider further away from the focus. The artefacts are at a level of about −35 dB
compared to the point scatterers. The artefacts vanish with PSASB 2, which in contrast to
PSASB 1 applies a Hann window before summation. The remaining artefacts are at a level
of −55 dB or lower, which is 20 dB lower compared to the artefacts that appear in the image
made with PSASB 1. The cost of the reduction in artefacts is a worse lateral resolution.
With PAM the lateral resolution is as good as in the image obtained with PSASB 1, but
without any extra artefacts as compared to PSASB 2. This indicates a clear advantage of
using the wave equation over a time of flight approach as with the wave equation there is
no trade-off between artefacts and resolution.

The differences between the methods as discussed before can also be observed in the
measurement images visible in Figure 5.4. The main difference with the simulated images
is the appearance of extra artefacts. For example, there are reverberations visible below the
wires. However, these extra artefacts appear in all measurement images and are therefore
caused by the measurement setup and not by the different imaging methods.

The −6 dB lateral PSF width of the previously discussed images is shown in Figure 5.5.
This figure also shows that the simulation and measurement results correspond very well
to each other. Moreover, it is also visible that PAM and PSASB 1 obtain the best lateral
resolution over the whole depth range. Compared to PSASB 2, the lateral width is on
average 17% smaller while the difference with DRF is on average even 31%. Only around
the transmit focus, the lateral resolution of each method is similar as expected.

PSASB and PAM obtain a lateral width that increases linearly with depth, which was
also observed for PSASB by Bera et al. [78]. This indicates a constant angular resolution
over depth. The theoretical far field lateral width calculated using the method described
in Appendix 5.A also shows a linearly increasing width. Furthermore, both PSASB 1 and
PAM match the theoretical far field width. Because the theoretical width indicates a focus
in transmit and receive, this shows that both PAM and PSASB 1 manage to completely
focus the image at all depths.

The −20 dB PSF width, which is not shown, has the same trend as the −6 dB width.
Around the transmit focus all methods perform similarly, but the best overall resolution is
achieved by PSASB 1 and PAM.
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Figure 5.3: Simulation results for the wire phantom. The scatterers in the simulation were positioned at equal
positions as in the measurement for best comparison.

Figure 5.4: Measurement results for the wire phantom.

5.4.2 Tissue phantom
Figure 5.6 shows the result of the measurements on the tissue phantom. The different
objects in the phantom are clearly visible in all the images, except for the deepest parts
where noise starts to play a significant role. The artefacts that were visible in Figure 5.3
and 5.4 for PSASB 1 are now hidden beneath the speckle pattern.

The obtained lateral resolution is again the narrowest with PAM and PSASB 1. This
can for example be observed at the lower left cyst and at the resolution wires, which
appear on the right side at a depth of 60 mm and 100 mm. The resolution is quantified in
Figure 5.7. On average the resolution obtained with PSASB 1 and PAM is 17% narrows than
PSASB 2 and even 32% narrower than DRF, which is very similar to the values obtained
in the wire phantom. For depths lower than approximately 120 mm the lateral resolution
increases linearly with depth. Deep in the medium however the lateral resolution quickly
deteriorates. There are two main causes. First of all, the signal-to-noise ratio in this area is
low, which for example also results in the non-black appearing hypoechoic cyst in the lower
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Figure 5.5: The −6 dB lateral width of the PSF for the wire phantom, corresponding to the images in Figures 5.3
and 5.4

Figure 5.6: Measurement results for the tissue phantom.

left of Figure 5.6. Also, the attenuation lowers both the bandwidth and central frequency
of the returned signal, and hence reduces the resolution.

5.4.3 Contrast-to-Noise Ratio
The contrast-to-noise ratio is calculated from two cysts with a diameter of 6.7 mm and four
cysts of 10 mm. A subset of the cysts is shown in Figure 5.8, where the resulting image of
one of the measurements used for calculating the CNR is shown together with the areas
that are used to calculate the statistics of the cysts and background. The averaged CNR
over all eleven measurements together with the standard error can be found in Figure 5.9.
The CNR obtained with each method decreases with depth. For the two smaller cysts
there is hardly any distinction between DRF, PSASB 2 and PAM, but PSASB 1 performs
slightly worse. This is most likely caused by the artefacts visible in Figures 5.3 and 5.4. For
the four deeper lying cysts, PSASB 1 continues to produce a systematically lower mean
CNR compared to PSASB 2 and PAM due to these artefacts. Also for these four cysts, the
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Figure 5.7: The −6 dB lateral width of the PSF for the tissue phantom, corresponding to the image in Figure 5.6

Figure 5.8: The images obtained with one of the measurements that has been used to calculate the CNR. The area
within the red line is used for calculating the cyst statistics, while the area between the white lines is used as
background.

mean CNR obtained with PAM is initially better, but the performance deteriorates with
depth as compared to the other methods. It seems therefore that PAM suffers most from a
low signal-to-noise ratio (SNR). The low SNR deep in the medium could be observed in
Figure 5.6.

5.4.4 Variation of f-number
Figure 5.10 shows the lateral resolution that is obtained with PAM for different 𝑓-numbers
in the first stage. For the smallest 𝑓-number the lateral resolution is worst, but for the larger
𝑓-numbers the width is always close to the theoretical far field width. While the opening
angle decreases for increasing 𝑓-numbers, and therefore the number of contributing scan
lines also decreases, the aperture of the virtual array at the focal depth increases. These
effects cancel each other out and therefore the f-number has a limited effect on the lateral
resolution. Only for very close focal distances this does not apply. The independence of
the lateral resolution from the focal depth for large 𝑓-number can also be derived from
(5.19) and (5.21). For a large focal distance, the opening angle can be approximated using
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the first term of its Taylor series and this reduces (5.21) for an unsteered beam to

𝑚max(𝑓 ) =
𝜋𝑓𝐷

̂𝑐
. (5.24)

The above equation indicates that 𝑚max, and thus also the lateral resolution, becomes
independent of the focal distance for large 𝑓-numbers.

For the current setup the results indicate that any 𝑓-number larger than 0.5 is sufficient
to obtain the best possible resolution. This also applies to PSASB 1 and 2, which also show
that the resolution is independent of 𝑓-numbers for large focal distances. The artefacts
do however change for each two-stage method if the 𝑓-number changes. A focus near
the probe result in more artefacts deep in the medium, while a deeper focus results in the
opposite. Besides this, in setups where attenuation plays a significant role, the resolution
deep in the medium might deteriorate due to the low SNR as could be observed in Figure 5.7.
It might thus be necessary to tune the 𝑓-number for a specific situation, but the differences
between DRF, PSASB and PAM do not disappear.

5.5 Discussion
In this paper we developed a computationally efficient two-stage beamforming method for
phased arrays that reduces the required data flow using a simple front-end algorithm. In
the second stage the scan data is further beamformed to obtain images that are synthetically
focused over the entire image. Contrary to the time of flight approach in PSASB, we use a
method based on the wave equation in the second stage.

The main advantage of Stolt migration for a linear array was the computation time
reduction compared to SASB [79]. The computational efficiency of Stolt migration was
achieved by a change of variables, after which all integrations could be evaluated using
FFTs. For the method presented in this paper we also applied a change of variables, after
which the algorithm also could be done using Fourier Transforms. The required frequency
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domain interpolation was taken care of by the nonuniform Fourier Transform. In Table 5.2
a comparison is made between the number of operations required after pre-computation
for PSASB, our migration algorithm which employs the FHT and the migration algorithm
which calculates (5.14) using a matrix multiplication. Constant factors are neglected. In
this table 𝑁𝑠 is the number of depth samples, 𝑁𝜃 is the number of angles, 𝑁𝑚 is the number
of angular frequencies, 𝐽 is the number of neighbours used in the NUFFT and 𝑆 is the
upsampling factor. When inserting regular values of 𝑁𝑠 = 1024, 𝑁𝜃 = 256, 𝑁𝑚 = 1024, 𝑆 = 4
and 𝐽 = 5 the numbers in the rightmost column are obtained. First of all, it can be seen
that using a NUFHT severely reduces the number of operations required compared to the
matrix multiplication algorithm. The matrix multiplication scales with 𝑁 3

𝑠 , while the FHT
approximately scales with 𝑁𝑠 log(𝑁𝑠). This reduces the total amount of operations by about
four orders of magnitude.

The amount of memory required to store the pre-calculated values is also significantly
lower for the FHT method. In both cases order 𝑁𝑚 different matrices containing the pre-
calculated Hankel functions have to be stored, but these matrices contain 𝑁 2

𝑠 values in case
of the matrix multiplication scheme is used and only 𝑁𝑠 ×𝑆 in case of the FHT algorithm.
This means that about 256 times less memory is required for the FHT algorithm.

This amount of operations required for the migration algorithm presented is very similar
to the amount required for PSASB. This similarity was also observed in the computation
time of the Matlab implementations of PSASB and our migration algorithm. The time on
an Intel I5-6500 (Intel Corp., Santa Clara, California, USA) for both algorithms was about
half a second, but these times are of course strongly related to the program efficiency and
measurement setup. It should be noted that it is possible to start building the final image in
(P)SASB while the data is still being captured, while for PAM the forward transform over
the angles can only be done after all first stage lines are made. Still, we believe that for
both algorithms real-time implementation should be achievable. The difference in amount
of operations between PSASB and PAM is smaller than between SASB and Stolt migration
[79]. This is mainly because after pre-computation 2 NUFFTs required to compute the
Hankel transform, while in Stolt migration there was only a single FFT required for the
same kind of operation.

In the NUFHT the exponential grid depends on the parameters 𝑓0, 𝛼 and 𝑟0, as can be
seen in (5.15), and the upsampling factor 𝑆. The exact choice of parameters depends on
both the signal bandwidth and the imaging depth. In our situation, the parameters are
mainly determined by the imaging depths and in this case the following choice of the other
parameters can be used: The parameter 𝑟0 is set to the maximum imaging depth, while 𝛼
is set such that the complete radial grid encompasses all imaging depths. The minimum
frequency 𝑓0 is then set such that the maximum frequency is twice the centre frequency.
Finally, an upsampling factor of 4 is enough to prevent any visible artefacts.

The results that were obtained with the PAM match very well with the theoretical limit
for the −6 dB PSF width, which represents focusing in both transmission and reception.
This is visible in Figures 5.5 and 5.7. This implies that the entire image is completely
focused in transmit and receive. Therefore, a better resolution cannot be obtained using
conventional imaging techniques.

The resolution obtained with PSASB 1 also matches the theoretical limit, but there
are additional artefacts in the image. These artefacts appear because PSASB just uses a
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Table 5.2: The amount of operations required for the different algorithms. For PAM the amount required for the
individual steps is also shown. The following values were used 𝑁𝑠 = 1024, 𝑁𝜃 = 256, 𝑁𝑚 = 1024, 𝑆 = 4 and 𝐽 = 5.

Method Operations Amount

PSASB 𝑁𝑠𝑁 2
𝜃 𝑆 2.68×108

PAM - FHT 1.24×108
- 2D-FFT 𝑁𝑚𝑁𝑠 log(𝑁𝑚𝑁𝑠) 2.10×107
- FHT 9.23×107

* Division 𝑁𝑚𝑁𝑠 1.05×106
* NUFFT 𝑁𝑚(𝑁𝑠 log(𝑁𝑠) + 𝐽 𝑆𝑁𝑠) 3.15×107
* Multiplication 𝑁𝑚𝑆𝑁𝑠 4.19×106
* NUFFT 𝑁𝑚(𝑆𝑁𝑠 log(𝑆𝑁𝑠) + 𝐽𝑁𝑠) 5.56×107

- Inverse FFT 𝑁𝑠𝑁𝑚 log(𝑁𝑚) 1.05×107

PAM - Matrix multiplication 1.10×1012
- 2D-FFT 𝑁𝑚𝑁𝑠 log(𝑁𝑚𝑁𝑠) 2.10×107
- Matrix multiplication 𝑁𝑚𝑁 3

𝑠 1.10×1012
- Inverse FFT 𝑁𝑠𝑁𝑚 log(𝑁𝑚) 1.05×107

simple time of flight approach to calculate the delays for each contributing scanline before
summation. In case there is a high amplitude scatterer present and nothing else, there is
nothing preventing the scatterer to appear on every neighbouring image line. This is clearly
visible in Figures 5.3 and 5.4. In the tissue phantom these artefacts are not visible, but it does
seem to result in a lower CNR. To prevent these artefacts, PSASB 2 weighs the scanlines
before summation. This does however negatively affect the lateral resolution. PAM does not
have this trade-off between artefacts and resolution. The wave equation does not only take
into account the geometrical travel times of the wavefront, but it applies different complex
weighing factors to all the wave components in the wavenumber-frequency domain. As a
result, the field that is scattered by each point is approximated as close as physics allows.
The effect of this is that the artefacts do not appear and that the lateral resolution is at
the theoretical limit. This clearly shows the advantage of using the wave equation over a
time-of-flight approach.

To account for the limited opening angle of the virtual sources/receivers we have
employed a filter based on (5.20), which gives the highest expected angular frequency 𝑚
for a certain frequency 𝑓. The filter mainly affected the CNR. Without the filter, the mean
CNR obtained with PAM was lower at all cysts with the largest difference obtained at the
deepest two cysts. Without the filter the mean CNR was equal to mean CNR obtained with
DRF at these two cysts, which is worse than PSASB 1 and 2. In the images the effect of
the filter was most easily observed in low SNR conditions. For example, deep in the tissue
phantom a white noise pattern could be observed in the images without the filter. In the
wire phantom no visible difference was observed with and without the filter. The lateral
resolution was not affected at all, showing that the improvement in lateral resolution is
not due to the applied filter.

Equation (5.18) gives a criterion for the angle between subsequent scanlines to avoid
aliasing. This criterion shows that at least 205 scanlines within a 90° sector are required.
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In practice, some aliasing for the highest frequencies may be acceptable, especially when
apodization is applied in transmit and receive. Apodization dampens the edges of the
beamprofile, which give rise to the highest spatial frequencies in the angular direction.
This corresponds to the effect that apodization leads to a broader PSF. It turns out that even
with half the line density that was used for the images in this paper (i.e. 128 lines within a
90° sector), there were still no additional artefacts visible above −60 dB in the experimental
images (not shown) of the wire phantom and tissue phantom. This shows in this case that
at least a 65% higher framerate is possible than follows from the criterion. Note that the
discussion in this paragraph also applies to PSASB.

In principle our algorithm could be extended from 2D to 3D, that is from a circular
geometry to a cylindrical or spherical one. The derivation for the cylindrical geometry can
for example be found in the paper by Skjelvareid et al. [202]. However, a large field-of-view
without aliasing artefacts will result in a very low frame rate. This indicates that two
stage beamforming methods using focused beams in 3D may not be suitable for real-time
imaging.

5.6 Conclusion
In this paper we have developed a computationally efficient two stage beamforming method
for phased arrays that is based on the wave equation. In the first stage a simple single focus
DAS is used that reduces the amount of data from channel to scanline data. The second is
based on the wave equation and is computationally efficient due to the application of the
fast Hankel transform. Compared to PSASB in both simulations and measurements, our
method requires a similar amount of operations to construct the image and does not have
a trade-off between resolution and artefacts. These results show the advantage of using
the wave equation in the second stage instead of a time of flight method in a two-stage
approach.
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Appendix

5.A Theoretical far field beamwidth
The pressure generated by an array can be calculated using the Rayleigh-Sommerfeld
integral. In the far field it turns out that the pressure as function of the angle 𝜃 is proportional
to [2, eq. 7.6, 7.9]

̂𝑝(𝜃, 𝑓 ) ∼ 𝑖𝑓 ̂𝑣(𝑓 )sinc(
𝑓𝑊sin(𝜃)

𝑐
)

𝑁
∑
𝑚=1

𝑎𝑚𝑒𝑖𝑚Δ𝜙𝑒
2𝜋𝑖𝑓 𝑥𝑚

𝑐
sin𝜃. (5.25)

In this equation ̂𝑣(𝑓 ) is temporal Fourier transform of the normal velocity, 𝑊 is the width
of an element, 𝑎𝑚 describes the apodization and Δ𝜙 is the change in phase for successive
elements. The constants of proportionality and the dependence on 𝑟 have been neglected as
we are interested in the beam profile only. To calculate the beam directivity for an arbitrary
excitation pulse, first ̂𝑣(𝑓 ) is determined by taking the temporal Fourier transform of the
pulse. Next, the above equation is evaluated for a dense grid of frequencies within the
pulse bandwidth. After that, the calculated field is transformed back to the time domain
and the maximum value of the envelope is taken as pressure amplitude. From the pressure
amplitude the angular −3 dB width can be determined, which is equal to the pulse-echo
−6 dB width. Finally, the angular width can be converted to the lateral width by using
trigonometry.
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6
Receive/Transmit Aperture
Selection for 3D Ultrasound
Imaging with a 2D Matrix

Transducer

Recently, we realized a prototype matrix transducer consisting of 48 rows of 80 elements
on top of a tiled set of Application Specific Integrated Circuits (ASICs) implementing a row-
level control connecting one transmit/receive channel to an arbitrary subset of elements
per row. A fully sampled array data acquisition is implemented by a column-by-column
(CBC) imaging scheme (80 transmit-receive shots) which achieves 250 volumes/second
(V/s) at a pulse repetition frequency of 20 kHz. However, for several clinical applications
such as carotid pulse wave imaging (CPWI) 1000 V/s are needed. This allows only 20
transmit-receive shots per 3D image. In this study, we propose a shifting aperture scheme
and investigate the effects of receive/transmit aperture size and aperture shifting step in
the elevation direction. An angular weighting method is used to suppress the grating
lobes caused by the enlargement of the effective elevation pitch of the array. The effective
aperture size, level of grating lobes, and resolution/sidelobes are used to select suitable
reception/transmission parameters. Based on our assessment, the proposed imaging se-
quence is a full aperture transmission, a receive aperture size of 5 and an aperture shifting
step of 3. Numerical results show that, compared to the fully sampled array, the 1000 V/s
is achieved at the expense of, on average, about two times wider point spread function
and 4 dB higher clutter level. The resulting grating lobes were at −27 dB. The proposed
imaging sequence can be used for carotid pulse wave imaging to generate an informative
3D arterial stiffness map, for cardiovascular disease assessment.
This chapter has been published as:
M. Mozaffarzadeh, M. Soozande, F. Fool, M. A. P. Pertijs, H. J. Vos, M. D. Verweij, J. G. Bosch, and N. de Jong,
“Receive/Transmit Aperture Selection for 3D Ultrasound Imaging with a 2D Matrix Transducer,” Applied Sciences,
2020, doi: 10.3390/app10155300

https://doi.org/10.3390/app10155300
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6.1 Introduction
Arteriosclerosis is a very common cause of death worldwide, caused by deposition of lipids
in the vessel wall in the form of plaques [216]. The relation between arterial stiffness and
cardiovascular risk has been investigated in several studies as advanced arteriosclerosis can
occlude arteries and involve changes of the vessel wall that reduce its elasticity and flexibility
[217]–[219]. Estimation of the arterial stiffness would be of significant interest because
it provides valuable information for diagnosis, prognosis, and therapy of a patient [48].
Among all the methods to quantify arterial stiffness, the European Society of Cardiology
has recommended to use the carotid-femoral pulse wave velocity (PWV) as a favored
measure of aortic stiffness [48]. However, this is a global measure of arterial stiffness,
in which local plaque stiffness plays no role. Assessment of arterial stiffness by imaging
the local propagation of pulse waves can identify plaque characteristics, especially in the
carotid arteries [90], [220], [221], which are prone to plaque development associated with
stroke [222].

Pulse wave imaging (PWI) is usually conducted based on two-dimensional (2D) images
of the pulse wave propagation [223]–[225]. However, it is a 3D phenomenon, and elasticity
of the carotid artery varies in different locations [56], [220]. Consequently, 2D images
impose limitations. First, 2D elastography is sensitive to out-of-plane motion of the object,
which can occur in carotid imaging [57]. Moreover, with conventional 2D ultrasound
imaging, it is assumed that the propagation of the pulse wave is parallel to the imaging
plane, which results in inaccuracies in PWV estimation [56]. A 3D assessment could be
based on multiple cross-sectional 2D images of the 3D vessel structure, but it requires
reproduction of the same imaging planes at later times, which is difficult [52]. Thus, it
would be of great importance to have a comprehensive view of the arterial walls and
generate a 3D elasticity map [56].

Going from 2D to 3D ultrasound imaging is challenging, and specific limitations are
imposed, depending on the application [49], [55]. One approach is to mechanically sweep
the conventional one-dimensional (1D) linear or phased array probes (used in 2D imaging)
by a motorized system to acquire a 3D dataset [58], [226], [227]. With this approach, a low
volume rate along with large errors due to motion artifacts is obtained. Free-hand scanning
techniques, in which a position and orientation sensor is added to the conventional 1D
array transducer to record the trajectory and orientation, can be used to address the
motion artifacts [58], [228], [229]. Still, a poor out-of-plane spatial resolution and a low
volume rate limit the use of the mechanical scanning approach for applications such as
echocardiography, where motion needs to be accurately tracked [52].

Another approach for 3D imaging is to make a 2D matrix array [230]. With a 2D array,
the transducer can remain stationary, and electronic scanning can be used to sweep the
ultrasound beam over the entire volume under examination [52], which can overcome
the frame rate limitation. However, the fabrication and implementation of 2D matrix
transducers are challenging. A large 2D transducer is required to obtain a high elevation
and azimuth resolution. On the other hand, the element pitch should preferably be kept
below half a wavelength (𝜆) in both directions to avoid grating lobes [1]. The combination
of small elements and a large aperture results in a very large number of transducer elements.
It is fairly possible to make a matrix array with >1000 elements, but making electrical
connections to all the elements is challenging [60].
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To realize a fully populated matrix transducer that uses a reduced number of channels,
different approaches have been proposed. The signals from the elements in an aperture can
be locally beamformed to obtain one output receive signal [74], [144], [231], [232]. With
the row-column addressed arra y approach, the number of channels required is reduced
from N2 to 2N, where N is the number of elements in each direction of a square matrix
array, at the cost of image contrast and resolution [65], [67], [233]. Channel multiplexing
is another approach to combine the data from several receive elements into one output
line, at the cost of frame rate reduction [70].

We previously designed and manufactured a matrix transducer by fabricating an array
of piezoelectric elements directly on top of an Application Specific Integrated Circuit (ASIC)
[71]. A single tile of 12 × 40 (rows × columns) elements was developed as a building block
for a larger transducer. The ASIC provides element-level switches and control logic which
allow us to connect each individual element in a row (elevation direction) to a corresponding
row-level transmit/receive bus. In this study, we use a 4 × 2 tiles configuration to form
a large transducer consisting of 48 × 80 (azimuth × elevation) elements. Based on the
transducer architecture, 80 transmit/receive shots are required to fully read out the element
data for a single plane wave imaging. Considering a pulse repetition frequency (PRF) of
20 kHz (for a depth of 37.5 mm deep enough for carotid PWI (CPWI) [90]), a volume rate
of 250 per second can be achieved. However, for CPWI, 1000 V/s are needed [88]–[90].
Therefore, we are obligated to limit the number of receive/transmit shots to 20. To do so, in
this paper, we propose to interconnect elements into non-delayed apertures which can be
shifted in the elevation direction. We investigate the effects of receive and transmit aperture
sizes and aperture shifting step in numerical simulations and in an in vitro experimental
setup. An angular weighting (AW) method (based on the directivity pattern of the receive
apertures) is used in the image reconstruction procedure to reduce the effects of grating
lobes (caused by the increased effective pitch in elevation direction). The goal is to find
a trade-off to form good-quality B-mode images, providing suitable inputs for motion
estimation methods used in wall velocity measurement [56], [90].

6.2 Materials and Methods
6.2.1 Imaging Schemes
For CPWI, the lateral direction in our 2D assessment (the elevation direction in 3D imaging)
lies perpendicular to the carotid artery. For people of age over 60 years, the carotid diameter
is 7.4 ± 0.7 mm and 8.2 ± 0.8 mm and over 70, it is 7.6 ± 0.8 mm and 8.0 ± 0.7 mm, for females
and males, respectively [234]. The effective covered aperture size is calculated as (Nr +
19Ns) × Pitch, where Nr is the receive aperture size, Ns is the shift of the receiving aperture
between sequential shots, and Nt is transmit aperture size. With Ns 1 and 2 and with a
small Nr, the obtained effective aperture is much less than what is needed to cover the
whole carotid artery. As we aim to have an effective covered aperture size big enough for
all ages, we neglect Ns of 1 and 2 in our study.

A tile of 12 × 40 elements (rows × columns) requires 12 channels for transmission and
12 channels for data reception (Figure 6.1a). The row-level circuitry allows us to put two
tiles head-to-head in a row to form an array of 12 × 80 elements without increasing the
channel count [70]. In this study, the array is fabricated using 4 × 2 (rows × columns) tiles



6

100 6. Aperture Selection for 3D Carotid Pulse Wave Imaging

12x40 elements

Pitch: 300x150 m

6.8mm

Row-level 

circuits

3.6mm

(a) (b)

C
ar

ot
id

 a
rte

ry

Figure 6.1: (a) Schematic of a single tile consisting of 12 × 40 acoustic elements on top of an Application Specific
Integrated Circuit (ASIC) with element-level switches and row-level circuits. (b) The proposed transducer
consisting of 4 × 2 tiles with respect to the carotid artery (carotid has a diameter of 6 to 9 mm; the array is
12 mm × 14 mm).

(b)(a)

Figure 6.2: (a) The generated pressure field with a full transmission approach (all the elements are excited together);
the dashed lines show the direction of grating lobes with different Ns. (b) A schematic of the aperture definition
procedure; Ns=3, Nr=10, and Nt=50. Receive and transmit apertures have the same center.

providing 48 × 80 (azimuth × elevation) elements (Figure 6.1b; the carotid has a diameter
of 6 to 9 mm [234]; the array is 14 mm × 12 mm). A single plane wave imaging with full
data acquisition can be implemented using a column-by-column (CBC) data acquisition
approach which requires 80 transmit/receive shots. In this approach, all the 80 elements
are connected to the transmit bus, and only a single element in the elevation direction is
connected to the receive bus. For CPWI, we need 1000 V/s which restricts the number
of transmit-receive shots to 20 for one volume. These 20 shots can be implemented in
different manners; an example is shown in Figure 6.2b where the transmit aperture of 50
elements is shifted over three elements for each step, co-aligned with the receive aperture
of 10 elements.

Applying dynamic focusing to the received data having an effective element pitch
larger than half of a wave length introduces grating lobes [1]. In our study, the 2D matrix
transducer has an elevation pitch of 150 µm, and the operating frequency ranges from 6
to 9 MHz, i.e., the shortest wavelength is 170 µm in tissue. Therefore, grating lobes in the
elevation direction will appear.
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The current ASIC architecture can accommodate 20 arbitrary transmit/receive patterns
in the provided memories, which can be used to define sparse patterns (out of the scope
of this paper) [71]. In addition to these element level memories, elements can be grouped
into a set of transmit/receive apertures with an arbitrary size and shifted along elevation
direction with one element per clock cycle [71]. In this study, we use this feature to define
regular aperture patterns (see Figure 6.1b for example). The elements contributing in a
receive aperture are interconnected (switched in parallel without further inter-element
delays) in practice, and one time series is achieved for the receive aperture.

6.2.2 Numerical Studies on the Beam Profile
As element interconnection only happens in the elevation direction, our numerical evalua-
tion was only conducted in the elevation direction. Simulations were conducted in Field
II [113], [114] to investigate the beam profile of the different transmit/receive sequences.
The image reconstruction in azimuthal direction is unaffected and therefore neglected. We
varied the settings provided in Table 6.1.

Table 6.1: The variables used in the numerical study.

Parameter Value

Number of Shots 20
Receive aperture (Nr) 1 to 20 elements
Element size 130 µm
Pitch 150 µm
Transmit aperture 1 to 80 elements
Shift between sequential shots of the receive aperture (Ns) 3 and 4 (unit is Pitch)
Transmit pulse length 1.5 cycles
Central frequency 7.5 MHz, 𝜆 =0.2 mm
Scatterer position 10, 15 and 20 mm
Speed of sound 1500 m/s
Sampling frequency 100 MHz

The impulse response consisted of a Gaussian-modulated sinusoidal waveform (central
frequency of 7.5 MHz, bandwidth of 80%). Normalization and log-compression were used
to form final images. The response of receive aperture size (Nr), the shift of the receiving
aperture between sequential shots (Ns) and the transmit aperture size (Nt) were evaluated
using point scatterers positioned at depths of 10, 15 and 20 mm, as we expect the carotid
artery in this range [90]. Figure 6.2b illustrates the way that the Nr, Nt, and Ns parameters
were defined and implemented in 20 transmit-receive shots. The receive and transmit
apertures were concentric and shifted over the same distance.

The level of grating lobes, lateral width of point spread function (PSF) at −6 dB called
full-width-half-maximum (FWHM) and level of sidelobes were used to evaluate the image
quality as result of the different settings [90]. The finalized imaging sequence was evaluated
with a numerical tissue mimicking phantom in which an anechoic cyst having a radius of
3 mm was positioned at the depth of 15 mm. The phantom contained scatterers from −15 to
15 mm in the lateral direction to visualize the off beam energy including the grating lobes.
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Figure 6.3: (a) The daughterboard with the transducer array before applying the ground foil. (b) The finalized
4 × 2 matrix array. (c) Schematic of the measurement setup. (d) The imaging phantom: a foam pad with two
needles. The distance between the foam and the transducer surface is about 26 mm. (e) The imaging phantom: a
foam pad with five needles, positioned in different depths (from 10 to 20 mm). The distance between the foam
and the transducer surface is about 28 mm. The numbers next to the needles are used for target localization in
Section 6.2.3.

Multi-scatterer and multi-cyst phantoms were also imaged. We use column-by-column
imaging scheme as the ground truth (GT) in our study.

6.2.3 Experimental Study
The 2D matrix array was mounted in a box with an acoustically transparent window (25 µm
thick polyimide) and the whole setup was submerged in a tank filled with water (see Figure
3a). The transducer was excited by a custom-programmed experimental ultrasound system
(Vantage 256, Verasonics, Kirkland, WA, USA). A picture of the two-needle phantom used
in our experiments is provided in Figure 3d. The axial distance between the plastic foam,
that acts as base to the needles, and the surface of our 2D transducer was about 26 mm.
Matlab 2018b and MeVisLab (MeVis Medical Solutions AG, Fraunhofer MEVIS, Bremen,
Germany) software was used to process the data and show 3D images, respectively.

6.3 Results
6.3.1 Numerical Results: Point Scatterer
Receive Aperture
Figure 6.4a,b shows the PSF for varying receive aperture (Nr) between 1 and 20 elements
and shifting steps (Ns) of 3 and 4. A full-aperture transmission (transmission with all
the elements) is used (Nt=80) and 20 shots are given. For a receive aperture equal to one
element (Nr=1) and step size of three elements (Ns=3), the total covered aperture is 8.7 mm
resulting in a main beam width of about 2 mm at 10 mm distance. The grating lobe level is
−20 dB as expected from the 1.5 cycle excitation and 20 shots and positioned at a lateral
distance of −5 mm caused by the large step (Ns=3, effective pitch=450 µm, 𝜆=200 µm). The
mean beam width remains about the same for larger Nr up to 5 (see Figure 6.4e) since two
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AW is off AW is on

Figure 6.4: (a–d) The point spread functions (PSFs) obtained for different Nr and Ns when a full-aperture
transmission is used. A point scatterer was positioned at the depth of 10 mm and the lateral distance of 0 mm.
The angular weighting (AW) technique was used in the bottom row. The black and red rectangular regions were
used to calculate the clutter level (Figure 6.5a) and effects of grating lobes (Figure 6.5b). The red circles show the
effects of grating lobes. (e) The lateral variation for Ns=3 when the AW is on.

opposite effects play a role. The first one is the slowly increasing covered aperture (e.g., for
Nr=5, the covered aperture is 9.3 mm). The opposite one is the increasing directivity of the
receiving apertures (for Nr=5 the directivity is about 10°), which makes the contribution
of the outer elements less. For larger receive apertures, Nr=10 the main beam width is
increased to about 3 mm and it further increases to 4.2 mm for Nr=20. For Nr=20, the
covered aperture is admittedly the largest, but very directive (2°), and therefore only the
middle part of the covered aperture is contributing in image reconstruction. For Ns=4 (see
Figure 6.4b), the grating becomes stronger, making the grating lobes appear closer to the
mainlobe, at −4 mm lateral distance (see the rectangles in Figure 6.4a,b).

Since the effective aperture can be very large and directive, angular weighting, as
described in [235], can be applied in reception. This results in reduced grating lobes
(compare the first and second rows in Figure 6.4) and about 16 and 13 dB lower clutter level
for Ns of 3 and 4, respectively (see Figure 6.5a where the pixel intensities within the red
rectangular regions shown in Figure 6.4a were used for statistical analysis). The level of
grating lobes (for different Nr) obtained with the AW technique is presented in Figure 6.5b.
The AW technique hardly works for Nr of 1 up to 5 due to the large angular view of the
receive aperture.

Figure 6.6 shows the FWHM as function of aperture settings. It indicates that the smaller
the Nr, the lower the FWHM (i.e., better lateral resolution). This is mainly because we use
the dynamic focusing technique in reception, and increment in Nr results in a narrower
directivity in each receive aperture, which reduces the effective number of elements (i.e.,
aperture size) contributing in the reconstruction of a given pixel (voxel in 3D).

An analysis of Figure 6.4 and Figure 6.6 shows that the AW technique helps with
suppression of the grating lobes at the expense of resolution. With an AW, a higher
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Figure 6.5: (a) Distribution of clutter level measured within the red rectangular region shown in Figure 6.4a. The
same area was used in other images. On each box, the central mark indicates the median of the clutter level
inside the corresponding region. The bottom and top edges of the box indicate the 25th and 75th percentiles,
respectively. The whiskers extend to the most extreme data points not considered outliers. Outliers were plotted
individually using the ‘+’ symbol. (b) The level of grating lobes, measured within the black rectangular regions
indicated in Figure 6.4.

contrast can be expected [235], helping the motion estimation methods used to estimate
the wall velocities in CPWI [90]. Thus, we use AW technique in the reconstruction through
rest of the paper.

As seen in Figure 6.4c,d, grating lobes are not well-suppressed for Nr=1 (see the red
circles). For Ns=3, these effects reduce about 6 dB from Nr=1 to Nr=5 and then reduce
with a lower rate along with oscillation (see Figure 6.4c and Figure 6.5b). Almost the same
pattern happens for Ns=4 from Nr=1 to Nr=5. We also noticed the same trend happening
at depths of 15 and 20 mm (depths of interest for CPWI [90])—results are not provided here.
Based on the lower grating lobes for Ns=3 than Ns=4 (Figure 6.5b), the reduction of grating
lobes from Nr of 1 to 5 for Ns=3 (Figure 6.5b), and the same resolution in Nr=5 for Ns of 3
and 4 (see zoomed version in Figure 6.6), we proceed with Ns=3 and Nr=5. It is true that
Nr=5 increases the FWHM more than a smaller Nr (see Figure 6.6), but lower grating lobes
are more beneficial/needed in CPWI than a higher resolution due to motion estimation
algorithms used in CPWI [56], [90]. Although even lower grating lobes can be achieved by
a Nr larger than 5 (Figure 6.5b), the rate of FWHM increment is much larger than the rate
of grating lobes decrement (see Figure 6.6) when Nr increases. It is expected to have 7 dB
higher signal-to-noise ratio (SNR) with Nr=5 than Nr=1. Moreover, with Ns=3 and Nr=5,
an effective covered aperture of 9.3 mm can be obtained, which is large enough to cover
the carotid artery in all ages [234].

We conducted the same assessment for scatterers positioned at depths of 15 and 20 mm
(results not shown). For different Ns, almost the same difference in the mean of the level of
grating lobes (red lines in Figure 6.6a) is achieved. The same effects indicated by the red
circles Figure 6.4c,d occur, but with lower power. Following the same procedure Ns=3 and
Nr=5 can be selected for receive aperture in these depths as well.
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Figure 6.6: Full-width-half-maximum (FWHM) measurements for different Nr and Ns; a full-aperture transmission
was used.

Transmit Aperture
So far, we used a full-aperture transmission. In this section, we evaluate the effects of the
transmit aperture size (Nt) on the PSFs obtained with the selected reception parameters
(Nr=5 and Ns=3). Figure 6.7a–c shows the PSFs obtained with different Nt while a scatterer
is positioned at the depths of 10, 15, and 20 mm, respectively. A small Nt leads to strong
artifacts caused by the grating lobes. This is due to the omnidirectional pressure field in
transmission which causes excitation in the direction of the grating lobes with the same
energy as that of main lobe. As the Nt gets larger, the transmission pressure field gets
more directional toward the front side of the array and becomes like what is shown in
Figure 6.2a. In higher depths, the effects of grating lobes are lower since a lower pressure
is transmitted in the direction of the grating lobes (see Figure 6.2a).

The effects of grating lobes are lower when Nt is larger than 20 (see Figure 6.7a–c).
From Nt of 1 to 50 the FWHM decreases, and reaches an asymptotic minimum for Nt
larger than 50. However, around a Nt of 50, the effects of sidelobes are still more powerful
than larger Nt (compare the regions shown by the red and green dashed rectangles in
Figure 6.7a–c). Since the larger the Nt, the lower the effects of sidelobes, we proceed with
a full-aperture transmission (Nt=80).

Lateral Shift Variance
In Figure 6.7d,e point scatterers positioned at the depths of 10 and 20 mm, respectively, are
laterally shifted from −6.5 to 6.5 mm. This image is normalized to its maximum to fairly
track the effects of grating lobes (see the green arrows)[236]. Figure 6.7d,e indicates that if
a scatterer is positioned in the direction of the grating lobes, its effect is much lower than
that of a scattering target in the middle of the array. This is mainly because of the AW
technique in reception and the fact that the direct transmitted pressure field excites targets
in the lateral center of the array with a higher power, compared to those in the grating
lobes angles (see Figure 6.2a). The best resolution is also obtained when the scatterer is at
the lateral center.
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Figure 6.7: (a–c) The PSFs obtained for different Nt; Nr=5, Ns=3. The green rectangular regions show a reduction
of sidelobes with respect to the red rectangles. (d,e) The lateral shift variance for full-aperture transmission, Nr=5
and Ns=3, for a scatter at a depth of (d) 10 mm and (e) 20 mm. Green arrows: location of grating lobes.

Comparison with Ground Truth
A comparison between the reconstructed images by the proposed imaging sequence (full-
aperture transmission, Nr=5 and Ns=3) and the CBC imaging sequence (ground truth, GT)
at three depths of interest is provided in Figure 6.8a,b, along with their corresponding PSFs
in Figure 6.8c. The AW is applied to the GT to have a fair comparison. By the proposed
imaging sequence, the FWHM is almost doubled due to the larger receiving aperture, and
the mean clutter level, on average, is 4 dB higher than GT, with a level of grating lobes of
about −24, −27, and −29 dB, at the depths of 10 mm, 15 mm, and 20 mm, respectively. See
the Supplementary Materials (Figure 6.12) for the results obtained using the multi-scatterer
phantom.

6.3.2 Numerical Results: Cysts Phantom
The results obtained with the cyst phantom are shown in Figure 6.9. The images are laterally
limited due to the narrow transmission beam profile (see Figure 6.2a). The proposed scheme
(Figure 6.9a) is more laterally limited because of the smaller effective aperture size than
the CBC GT (Figure 6.9b). The red arrows in Figure 6.9a show the effects of grating lobes.
To statistically compare these images, pixel intensities within two regions of interest (ROI1
and ROI2, the red and yellow circles in Figure 6.9b) are used. For the proposed imaging
sequence, the mean of ROI1 is 6 dB higher than GT (see Figure 6.9c) due to the effects of
the grating lobes and sidelobes (see Figure 6.8c). The 3 dB higher mean in ROI2 provided
by the proposed imaging sequence (Figure 6.9c) is also due to the larger FWHM and
more constructive interferences of the point scatterers. See the Supplementary Materials
(Figure 6.13) for the results obtained using the multi-cyst phantom.
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Figure 6.8: The reconstructed images using (a) the column-by-column (CBC) imaging sequence (ground truth—GT)
and (b) the proposed imaging sequence (full-aperture transmission, Nr=5 and Ns=3), along with (c) their corre-
sponding lateral variations. The AW is applied on the GT to have a fair comparison. (d) The clutter level using the
green rectangular region in (c).

6.3.3 Experimental Results
Figure 6.10 presents the experimental results of the 3D reconstructed images using the
GT and the proposed imaging sequence (full-aperture transmission, Nr=5 and Ns=3). The
AW is applied on the GT to have a fair comparison. The red, yellow, green, and blue
arrows show the foam, the two needles, the grating lobes, and the clutter in the azimuth
direction, respectively. The smaller size of foam in Figure 6.10b,e is due to a smaller effective
aperture size in the elevation direction. A better visualization on the needles is achieved in
Figure 6.10e compared to Figure 6.10d due to the AW technique.

The maximum intensity projection (MIP) over a depth of 1 to 23 mm of the 3D exper-
imental images obtained with the two-needle phantom is shown in Figure 6.11a–c. The
difference (a) and (b) is the lack of AW in (b), which causes the grating lobes indicated by
the yellow arrows to appear. The elevation FWHM obtained with the proposed imaging
sequence at the depth of about 10 mm is doubled, in accordance with the results provided in
Figure 6.8a,b. This is the reason that the targets look stretched in the elevation direction, as
seen in Figure 6.11a and Figure 6.10b. The azimuth FWHM for different receive parameters
stays the same (about 620 µm) as the proposed imaging sequence does not significantly
affect the performance of the 2D transducer in the azimuth direction. The same clutter
patterns for different Ns, but the same Nr, also prove this matter (see Figure 6.11d). The
clutter level in azimuth direction is higher than elevation direction due to the larger pitch
(300 µm) and lower number of elements (48).
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Figure 6.9: The reconstructed images using (a) the proposed imaging sequence (full-aperture transmission, Nr=5
and Ns=3) and (b) the CBC imaging sequence (GT). (c) Statistical analysis of the image intensities indicated by
two regions of interest (ROI1 and ROI2) which are the red and yellow circles, respectively.

Figure 6.10: The 3D images obtained with (a,c) the CBC imaging sequence (GT) and (b,d,e) the proposed imaging
sequence (full-aperture transmission, Nr=5 and Ns=3). The red, yellow, green, and blue arrows show the foam,
the two needles, the grating lobes, and the clutter in the azimuth direction, respectively. The dynamic range was
40 dB. The numbers in (c) are related to those shown in Figure 6.3e.
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Figure 6.11: (a–c) The maximum intensity projection (MIP) of the reconstructed 3D images of Figure 6.10 using
the data obtained with the two-needle phantom. (d) The clutter pattern in azimuth direction measured on the
dashed black line in (b). The yellow arrows in (b) point to the grating lobes that appear if the AW is off.
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6.4 Discussion
The aim of this study was to find a set of imaging parameters that provides a good image
quality using an aperture-shifting matrix array, within the boundary condition of a limited
number of transmissions (20), such that a volume frame rate of 1000 per second could
be reached. We aimed for such high volume rate to facilitate CPWI (seeing the 4.5 m/s
pulse wave pass laterally within a few volumes [90]). Depths of evaluation were 10, 15 and
20 mm as the anterior and posterior walls are expected at these depths [90]. The effects
of receive aperture size (Nr), the aperture shifting distance per pitch (Ns), and transmit
aperture size (Nt) were studied.

Improving the quality of B-mode images helps in CPWI as it facilitates the motion
estimation algorithms to track the axial displacement of the arterial walls [56], [90]. This is
essential for accurate local pulse wave velocity estimation required to generate an elasticity
map. Our assessment and parameters selection priority were as follows: (1) the size of
effective aperture; as it indicates whether we can have a comprehensive view on the carotid
artery or not [234], (2) suppression of grating lobes; the lower the level of grating lobes,
the higher the contrast, which is important for motion estimation algorithms to better
estimate the axial displacement of carotid walls [90], and (3) resolution/sidelobes. Both
Ns of 3 and 4 could provide sufficiently large effective aperture. Due to the lower grating
lobes achieved with Ns=3, compared to Ns=4, Ns=3 was selected. Selection of Nr imposed
a trade-off between FWHM and grating lobes. The rate of decrement of grating lobes and
increment of FWHM in Ns=3 led to a Nr of 5. Almost the same trends happened in all
the three depths of interest for CPWI [90], which led us to Ns=3 and Nr=5. The finalized
imaging sequence, with a boundary condition of 20 transmit-receive shots, consists of
a full-aperture transmission (Nt=80), Nr=5, Ns=3 and using the angular weighting (AW)
technique in the image reconstruction procedure.

Signal-to-noise ratio (SNR) is also an important criterion in the performance of motion
estimation techniques. However, it is not included in our study since in previous studies,
an acceptable SNR in CPWI was achievable with both 1D or 2D arrays [56], [90], and it
is expected that this is the case with our 2D matrix array as well [88]. If SNR is not good
enough (either for CPWI or other applications which need the same effective aperture size)
to perform a reliable motion estimation, a larger Nr can be used. However, it would cause
a larger FWHM as a consequence of relatively more direct receive apertures and applying
the dynamic focusing in reception. Therefore, in the case of using a large Nr (i.e., 20), a
more sophisticated image reconstruction method, which takes the narrow directivity of a
large Nr into account, should be used in the elevation direction to form a 3D volume [237].

The final version of our 2D transducer will have 10 tiles in the azimuth (row) direction
and two tiles in the elevation (column) direction, making 120 × 80 (row × column) elements
available to form a 3D image. Having an azimuth pitch of 300 µm, the size of our 2D
transducer in azimuth direction will be 36 mm, thus providing an aperture size big enough
to track the carotid pulse wave velocity (estimated to be around 4.5 m/s [90]). All the
evaluations and decisions in this paper were conducted using static imaging phantoms
while in CPWI, there are several types of motion, i.e., carotid wall movement caused by
pulse wave propagation, overall movement by breathing, and patient/transducer movement.
Motion of the object might lead to unwanted decorrelation of the signals recorded by the
sequentially switched apertures, leading to lower image quality. To calculate the risk of
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such decorrelation, we performed the following calculation. The wall velocity is, estimated
from the interframe axial displacement, reported to be about 5 mm/s [56], [90]. Considering
the 1 ms needed for data acquisition by the proposed imaging sequence for a 3D volume, the
target moves 5 µm in the axial direction. In this scenario, the PSF obtained with a dynamic
scatterer, moving 5 µm in 20 transmit-receive shots, well overlaps with a static scatterer,
which is mainly because the motion is lower than 10% of the wavelength (200 µm) during
the time needed to acquire the data of a 3D volume [238]. Therefore, we can assume that
the coherent compounding from the 20 acquisitions is not negatively affected. In addition,
the global movement is slow, will not interfere with the coherent image reconstruction,
and can be removed by subtraction of displacement of the tissues and that of carotid artery
[90].

With 20 kHz pulse repetition frequency, reflection artifacts come from depths higher
than 37.5 mm. In this study, these reflection artifacts are ignored due to tissue attenuation
(≈0.4 to 0.6 dB/(MHz cm)) as a scatterer at a higher depth (e.g., 50 mm) is attenuated by 28 dB
compared to the reflection coming from 12 mm depth. A more advanced beamforming
algorithm might be helpful with suppression of these artifacts as well [77], [239]–[241],
taking the change of speckle patterns into account [242].

Finally, although the reported results are linked to the specifications of the matrix
transducer reported in our previous publication (see [71]), we would like to stress that the
procedure taken in this study to select receive/transmit parameters can be used for other
array transducers (either 1D or 2D) to obtain a higher frame/volume rate at a given number
of data acquisition channels.

As a future study, we will use the proposed imaging sequence to conduct clinical 3D
carotid pulse wave imaging and generate 3D elasticity maps.

6.5 Conclusions
In this paper, we evaluated the effects of receive/transmit parameters on the image quality
provided by a linear array in which elements are mutually interconnected, which mimics
the elevation direction of our prototype 2D matrix transducer. The parameter selection
procedure was based on the effective covered aperture size, level of grating lobes, and
resolution/sidelobes. To achieve 1000 volumes/second, only 20 transmit-receive shots were
available, considering a pulse repetition frequency of 20 kHz and imaging depth of 37.5 mm.
To suppress the effects of grating lobes, an angular weighting technique was used. The
proposed imaging sequence consisted of a full-aperture transmission (all 80 elements),
receive aperture size of 5, and aperture shifting distance of three elements. For depths
of 10 and 20 mm, the results show that, on average, about two times wider point spread
function at −6 dB dB and marginally (4 dB) higher clutter level were obtained, compared to
the ground truth, and grating lobes level of about −27 dB lower than the main lobe. Having
a proper imaging sequence based on 1000 V/s could be beneficial to generate 3D maps of
carotid artery stiffness, providing valuable information regarding the cardiovascular risk.
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6.A Supplementary Materials
Comparing the first and second rows of Figure 6.12 indicates that the AW technique
increases the visibility of the scatterers in the region of interest (ROI: −5 to 5 mm in the
lateral direction). Artifacts are reduced between the targets (compare Figure 6.12b and d)
and a higher contrast is achieved (compare Figure 6.13c and Figure 6.13d) due to the lower
sidelobes. The images generated with the proposed sequence get disturbed at the corners
due to the lower number of apertures contributing in the reconstruction of those regions.

Figure 6.12: The reconstructed images using (a-d) the proposed imaging sequence ( full-aperture transmission ,
Nr=5 and Ns=3), when the AW is (a,b) on and (c,d) off, and (e,f) CBC imaging sequence (GT). The scatterers have
a lateral distance of 1.5mm and 4mm in first and second column, respectively.
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Figure 6.13: (a) The numerical phantom containing multiple cysts. The reconstructed images using (b) the CBC
imaging sequence (GT), (c,d) the proposed imaging sequence ( full-aperture transmission , Nr=5 and Ns=3) when
the AW is on and off, respectively.
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7.1 Introduction
Medical three-dimensional (3D) echography is superior to two-dimensional (2D) echogra-
phy in various applications. For example, 3D echography reduces operator dependency,
improves measurement accuracy, and increases repeatability when assessing anatomic
structures, disease progression and therapy effectiveness [51], [52], [243]. These advan-
tages have already been shown in the early 2000s in the analysis of carotid plaque volume
[244], [245] and the degree of stenosis [246]. Combined with other measurements, the
progression of atherosclerosis, the risk for complications and the response of the patient to
an intervention can be measured [155], [156]. For these applications, a low frame rate is
sufficient and 3D images can be made with mechanically swept linear array transducers or
freehand scanning techniques, which both effectively stitch together 2D images to from a
3D image [51], [52].

There are applications where a low frame rate would be insufficient. Focusing on the
carotid artery, applications that require high-frame-rate imaging include the measurement
of arterial stiffness, blood haemodynamics and plaque surface motion. These three mea-
surements can be used in the diagnosis of carotid artery conditions [48], [49]. Here, we
focus on the measurement of blood flow. To quantify blood flow, vector flow imaging
(VFI) can be used. A high frame rate is necessary as the peak blood velocity in the carotid
artery can reach up to 125 cm/s in normal patients and in excess of 230 cm/s in patients
with a significant degree of stenosis [49], [247]. For accurate blood flow measurements
in the carotid artery, 3D measurements are beneficial for two main reasons. First, helical
flow patterns are present around the carotid bifurcation [53] and therefore the velocity
would always have an out-of-plane component with 2D measurements. Since out-of-plane
motion cannot be accurately measured, it may lead to inaccurate and inconsistent velocity
estimations [54], [55]. Second, with 3D measurements the estimation of volume flow
does not require any assumptions about the flow profile, such as the velocity profile and
the beam-to-flow angle. Failure to correctly estimate these parameters can introduce a
significant bias [248]–[250]. 3D high-frame-rate measurements would thus be beneficial in
the diagnosis of carotid artery condition.

To achieve high-frame-rate 3D measurements, the use of a transducer with a 2D
element topology is essential [51]. However, fabricating a matrix that is fully populated
and addressed is challenging. The number of elements for a matrix will scale quadratically
for increasing aperture, instead of linearly with a linear array. For example, covering an
area of just 10 mm by 10 mm will already require more than 1000 elements for a 3 MHz
matrix [59]. While constructing a transducer with that many or even more elements is
in itself not an insurmountable issue, making electrical connections to each element is
a formidable challenge [60]. Additionally, ultrasound systems have a limited number of
channels available to send and receive data. So, while a fully-populated matrix can provide
the same flexibility as an array, the difficulty in operating numerous elements severely
limits the aperture and thus also the lateral resolution as compared to an array. To get
around this limitation a different kind of matrix transducer is required.

Currently, there are three types of matrix transducers, besides the fully-populated
matrix described before. They also cannot match the performance of a linear array, but they
each offer a distinct trade-off between side-lobe level, lateral resolution, frame rate, and
signal-to-noise ratio (SNR). The first type is the sparse matrix with elements that sparsely
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populate a large aperture [61]. Compared to the fully-populated matrix with the same
number of elements, the larger aperture results in a higher resolution, but the sparsity
results in a high side-lobe level. Sparse matrices do not necessarily require any additional
electronics, can be directly connected to available scanners, and do not necessarily require
specialized imaging schemes. However, the cables between the elements and the imaging
system can cause a significant loss of signal due to an impedance mismatch [60], [63].
To circumvent this, amplifiers can be used close to the elements [63]. The second type
is the row–column-addressed array (RCA) [64]–[67]. This matrix has a fully-populated
aperture, but in transmit only either each full column or each full row can be addressed
separately, while in receive the other direction can be addressed. This reduces the number
of electrical connections from 𝑁 2 to 2𝑁 compared to a fully-populated matrix. However,
an RCA requires more complex acquisition schemes, resulting in a reduced frame rate.
Furthermore, only the volume directly below the aperture can be imaged. The last type is a
matrix transducer integrated with an application specific integrated circuit (ASIC). It also
has a fully-populated aperture, but the number of electrical connections is reduced in the
ASIC through micro-beamforming, multiplexing, in-probe digitization, on-chip pulsers, or
any combination of these, depending on the specific application [70]–[73]. Furthermore,
amplifiers can be integrated in the ASIC to amplify the signal and prevent signal loss [71],
[74]. While this kind of matrix could potentially offer the best adaptation for a specific
application, the downside is that the development process is more costly, both in money and
time. All of the above types, including the fully-populated matrix, have shown promising
results in measuring flow velocities in various applications [251]–[256].

Because a matrix integrated with an ASIC has the highest potential for adaption to a
specific application, we have designed a matrix transducer made of lead zirconate titanate
(PZT) built on top of an ASIC [71], [98]. This matrix is tailored for measuring various
quantities around the carotid bifurcation. The aperture covers an area of 12 mm × 36 mm,
subdivided in 80 columns and 120 rows. The 9600 elements can be addressed to operate
like an electronically translatable linear array. With this imaging scheme, an arbitrary
transmit and receive sub-aperture is translated in one direction between each pulse-echo,
and the obtained data is combined into a single image. To minimize the amount of motion
artefacts that occur, the translation is perpendicular to the direction in which the highest
flow velocities are achieved in the carotid artery.

In a previous work, we optimized the imaging scheme for Carotid Pulse Wave Imaging
(CPWI) [161]. While the transmission and reception parameters proposed in that paper
could provide satisfactory results in CPWI, these specific parameters are not suitable for
measuring the blood flow in the carotid artery because blood peak velocity is much higher
than the wall motion during the cardiac cycle [53], [257]. Moreover, although there is
an overlap in the requirements for achieving a high-quality B-Mode image and accurate
displacement estimation, this does not ensure that a sequence optimized for B-Mode quality
also results in accurate flow measurements. Therefore, the imaging scheme should be
re-evaluated for high-frame-rate VFI in the carotid artery.

In this paper, our objective is to demonstrate the feasibility of measuring high blood
velocities in a large volume using an electronically translatable linear array, with the aim
of applying this to measuring the haemodynamics around the carotid bifurcation using
the mentioned PZT-on-ASIC matrix. To achieve this, we will study how the parameters of
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Figure 7.1: Schematic drawing of the envisioned full matrix transducer (right), together with a single ASIC tile
with PZT elements mounted on top (left). On the single ASIC tile, the imaging scheme is illustrated together with
its four electronically changeable parameters: transmit (Tx) sub-aperture width, receive (Rx) sub-aperture width,
sub-aperture pitch and number of sub-apertures per image.

the imaging scheme affect the velocity estimation accuracy and precision obtained from a
simulated straight-tube containing a parabolic flow profile.

7.2 Methods and materials
7.2.1 Matrix transducer
The transducer used in our simulation study is based on a PZT-on-ASIC matrix that is
designed for imaging the carotid bifurcation [71], [98]. The matrix consists of 10 ASIC tiles
placed next to each other. A schematic drawing of a single ASIC tile and the proposed
orientation of the complete transducer are shown in Figure 7.1. The full-size transducer
will consist of 80 columns and 120 rows with an element pitch of 150 µm × 300 µm and
a centre frequency of 7.5 MHz. A total of 9600 elements are addressed by 120 transmit
and 120 receive channels that are assigned to the 120 rows. For each row, the connected
elements can be chosen arbitrarily and changed between each transmit and receive event.
This connection strategy is implemented in the ASIC and allows the matrix to use various
imaging schemes as described in the next section.

7.2.2 Imaging Scheme
There are multiple modes of operation possible with this probe. One example is plane
wave imaging with column-by-column read-out. However, while a high lateral resolution
and low side-lobe level can be achieved using this scheme, the resulting frame rate using
this scheme would be relatively low because only a single column is read-out every pulse-
echo cycle, which is detrimental to the ability to measure high velocities. Alternatively,
the matrix can be operated like an electronically translatable linear array, as illustrated
in Figure 7.1. The scheme has four electronically changeable parameters: transmit (Tx)
sub-aperture width, receive (Rx) sub-aperture width, sub-aperture pitch and the number of
sub-apertures per image. By modifying the parameters of the scheme, it can be adapted
to the application. For example, by using fewer sub-apertures than a column-by-column
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Figure 7.2: The main steps of the algorithm to estimate the 3D velocity in a block. The algorithm is repeated for
every block to get estimates over the whole (sub-)volume.

read-out, a higher frame-rate can be achieved because fewer pulse-echo cycles are required.
Fewer sub-apertures also reduce the total aperture width used for image reconstruction,
which lowers the lateral resolution, but this can be compensated in this scheme by using a
larger sub-aperture pitch. Therefore, the parameters can also be optimized to provide the
best possible performance for measuring the fast flow in the carotid artery.

Previously, we investigated how to optimize this imaging scheme for use with CPWI
[161]. For carotid imaging, a pulse repetition frequency (PRF) of 20 kHz is feasible. For
CPWI a volume rate of 1000 volumes per second is sufficient and therefore 20 sub-apertures
per volume could be used. However, to measure the fast flow in the carotid artery a higher
volume rate is necessary. This means that we have to find the optimum parameters for
fewer sub-apertures per volume.

Due to the reduction in the number of sub-apertures, the aperture width in receive is
also reduced. To compensate for the limited aperture and improve the lateral resolution, the
sub-aperture pitch can be increased. This would however increase the amount of grating
lobes because the sub-aperture pitch can be significantly larger than 0.5 𝜆. Therefore,
we opted to reconstruct the whole imaging volume from multiple sub-volumes, thereby
avoiding grating lobes due to the large sub-aperture pitch by limiting the maximum required
steering angle in receive.

7.2.3 Motion estimation algorithm
To estimate the flow velocity in a volume, we employed the same algorithm as in an earlier
work [173], which is based on the work of Stone et al. [258]. The algorithm can work with
RF, IQ or envelope data as input.

The first step of the algorithm is to subdivide the volume into smaller sub-volumes,
which we will call blocks to distinguish them from the sub-volumes used to reconstruct the
whole imaging volume. Blocks can be overlapping, with more overlap resulting in a higher
spatial sampling of the estimated velocities. An apodization is applied on the blocks to
reduce edge effects. In our case, we employ a Hann window in all three spatial dimensions.

To estimate the velocity within each block, the steps in Figure 7.2 are applied. In
essence, the algorithm is similar to a phase-correlation, with a crucial difference: instead
of estimating the displacement between two volumes through peak-finding in the spatial
domain, this algorithm uses the phase gradient in the frequency domain, as explained
below. This saves computation time as it does not require an inverse Fourier Transform
and sub-pixel estimation.

After the phase difference has been retrieved, the phase gradient is estimated. This step
is based on the Fourier Shift theorem which states that the phase difference between two
translated images is

Δ𝜙(𝑘𝑥, 𝑘𝑦, 𝑘𝑧) = 𝑘𝑥Δ𝑥 +𝑘𝑦Δ𝑦 +𝑘𝑧Δ𝑧, (7.1)
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where 𝑘𝑥, 𝑘𝑦, 𝑘𝑧 are the spatial frequencies and Δ𝑥, Δ𝑦, Δ𝑧 the displacements between the
images in each spatial dimension. When putting all combinations of spatial frequencies
into one expression, Equation (7.1) can be written in matrix form as

Δ𝜙 = 𝐾Δ𝑟, (7.2)

where Δ𝜙 is a vector containing the phase differences for all combinations of (𝑘𝑥, 𝑘𝑦, 𝑘𝑧), 𝐾
a matrix containing one combination of (𝑘𝑥, 𝑘𝑦, 𝑘𝑧) per row and Δ𝑟 is a vector containing
the 3 displacement components. These components can be derived using a least squares
estimate as

Δ𝑟 = 𝐾+Δ𝜙, (7.3)

where 𝐾+ is the pseudo-inverse of matrix 𝐾.
In an ideal case without noise, clutter and aliasing, and where everything moves with

the same velocity, only three combinations of spatial frequencies would provide a unique
solution to Equation (7.3). In reality more combinations are necessary to provide a good
estimation. However, more combinations result in a longer computation time. It is not
necessary to take all combinations, as shown by a similar method by Lenge et al. [259],
where the results do not improve further after using a certain number of spatial frequencies.
A simple choice would be to use a subset of equally spaced frequencies within the spatial
bandwidth of the received signal. However, this is not optimal for three main reasons.

First, if the displacement is too high, aliasing will occur for the highest frequencies
because the phase difference is only unambiguous over the range ±𝜋. In 1D, aliasing will
occur if the displacement is larger than a grid step. In 2D or 3D, this happens for the
highest spatial frequencies if the 𝐿1 norm of the displacements relative to the grid steps
exceeds 1. Therefore, to prevent aliasing due to large displacements, the frequencies used
for estimating the displacement should satisfy

−𝜋 ≤ 𝑘𝑥Δ𝑥max +𝑘𝑦Δ𝑦max +𝑘𝑧Δ𝑧max ≤ 𝜋 (7.4)

where (Δ𝑥max, Δ𝑦max, Δ𝑧max) are the maximum displacements in each spatial dimension.
Second, grating lobes can cause spatial aliasing. The matrix described in Section 7.2.1

has a pitch of 0.75 𝜆 × 1.5 𝜆 and thus certainly has grating lobes. Excluding the spatial
frequencies of those grating lobes is necessary to prevent their influence.

Third, frequencies that have a low magnitude are more susceptible to noise and clutter.
Including frequencies with a low magnitude worsens the bias, as shown by Stone et al. [258].
Therefore, frequencies with a low amplitude should be excluded from the estimation.

After the displacement has been estimated using Equation (7.3), post-processing can
be applied to remove outliers and smooth the results. For the former, an algorithm like
the one presented by Westerweel et al. [260] can be used. For the latter, both spatial and
temporal smoothing can be used.

7.3 Simulation Setup
To assess the performance of the matrix transducer in combination with the proposed
imaging scheme, we have conducted simulations using Field II [113], [114]. A summary of
all parameters can be found in Table 7.1. In these simulations, a 3.2 mm radius vessel without
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Table 7.1: Parameters used in the simulation.

Parameter Value

Numerical Phantom Vessel radius 3.2 mm
Centre of vessel (0 mm,0 mm,15 mm)
Inclination 𝜙 10°
Rotation 𝜃 80°
Peak velocity 75 and 150 m/s
Flow profile Parabolic
Speed of sound 1540 m/s

Matrix # Elements (Columns × rows) 80 × 48
Element Pitch 150 µm × 300 µm
Centre frequency 7.5 MHz
Transmit pulse 5 cycle Hann windowed sinusoid
Column apodization None
Row apodization Tukey - 0.1

Imaging Scheme # Sub-apertures per sub-volume 2 to 13
Tx aperture Entire matrix aperture
Rx sub-aperture 5, 7 and 10 columns
PRF 20 kHz

VFI # Frequencies (𝑥 ×𝑦 ×𝑧) 5 × 5 × 5
Frequency range 0 to 0.5 of Nyquist
Amplitude threshold −20 dB
Block size (𝑥 ×𝑦 ×𝑧) 3 mm × 9 mm × 3 mm
Block apodization Hann
Phase averaging Median of 5 pairs

Sub-volume Positions −2, 0 and 2 mm
Weighting 1 mm STD Gaussian distribution

a wall is initially placed along the 𝑥-axis with its centre in the origin. The vessel is then
given an inclination by rotating it around the 𝑦-axis with angle 𝜙 = 10∘ and subsequently
rotated around the 𝑧-axis with an angle 𝜃 = 80∘. Finally, the centre of the vessel is translated
down by 15 mm. The axes and angles are illustrated in Figure 7.1. Within the vessel,
scatterers are randomly distributed with a density of 1 scatterer per wavelength at 7.5 MHz,
and these particles move in the direction of the axis of the vessel, following a parabolic
flow profile with a peak velocity as given in the results.

Instead of emulating the full matrix as described in Section 7.2.1, only 48 rows were
used. The transmit pulse used in the simulations is a 7.5 MHz sine modulated with a 5
cycle Hann window. Along the column direction (𝑦) of the matrix, we applied a Tukey
window with cosine fraction 0.1 in both transmit and receive to reduce the edge waves.
No apodization was applied in the row direction (𝑥).

The numerical phantom is imaged using the scheme described in Section 7.2.2. This
scheme has four independent parameters: Tx sub-aperture width, Rx sub-aperture width,
sub-aperture pitch and the number of sub-apertures per image. To reduce the number of
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parameters, we set the sub-aperture pitch equal to the Rx sub-aperture width, i.e. effectively
like a standard array, and refer to it as the Rx sub-aperture. In transmit the entire matrix
was used to transmit a plane wave. The effect of the remaining two parameters, the number
of sub-apertures and the Rx sub-aperture, is further investigated in this paper.

Images were constructed using a Fourier domain method described by Lu [261]. The
grid step for beamforming was the Rx sub-aperture in 𝑥, the element pitch in 𝑦, and a quarter
of the wavelength of the centre frequency in 𝑧. After beamforming, the grid spacing was
modified to 250 µm in the 𝑥-direction, accomplished through zero-padding in the frequency
domain and decimation. Upsampling was necessary for larger Rx sub-apertures to ensure
sufficient data points for the velocity estimation.

Velocity estimation was carried out at every grid point using the algorithm detailed
in Section 7.2.3. Envelope data was used to be able to measure higher flow velocities
without phase-wrapping in the VFI algorithm. The dimensions of each block was
3 mm × 9 mm × 3 mm, with the block being wider in the 𝑦-direction to account for the
higher velocity in that direction. For the estimation, 5 equally spaced spatial frequencies
in each direction are used. The upper limit of the spatial frequencies was set to 0.5 of
the Nyquist frequency, as a value of either 0.4 or 0.6 turned out to lower the accuracy.
This limit was further constrained by Equation (7.4) to prevent velocity aliasing. Also,
frequencies with an amplitude lower than −20 dB compared to the maximum amplitude
are excluded. In order to improve the accuracy and precision, the median phase difference
between 5 image pairs is used in the phase gradient estimation. No post-processing was
performed on the velocity estimates.

As the aperture width may not always be sufficient to image the entire vessel, the
velocity profile in the whole vessel was estimated from multiple sub-volumes. We used 3
sub-volumes placed at −2, 0 and 2 mm. The final estimates are made by a weighted average
of the estimated velocities in each sub-volume with weights based on the distance from the
centre of the sub-volume. The weights followed a Gaussian distribution with a standard
deviation of 1 mm.

To assess the accuracy and precision of the estimated velocity we used the mean relative
error and the mean standard deviation (STD). The mean relative error ̄𝜂𝑣 for the magnitude
𝑣 of the velocity ⃖⃗𝑣 is defined as

̄𝜂𝑣 =
1

𝑣max𝑁𝑠𝑁𝑡

𝑁𝑠

∑
𝑝=1

𝑁𝑡

∑
𝑞=1

|𝑣(⃖⃖ ⃗𝑟𝑝, 𝑡𝑞) − 𝑣𝑟(⃖⃖ ⃗𝑟𝑝)|, (7.5)

with 𝑣(𝑟 , 𝑡) the speed at a point in space and time, 𝑣𝑟(𝑟) the ground-truth speed at the same
point in space, 𝑁𝑠 the total number of spatial points, 𝑁𝑡 the total number of time steps and
𝑣max the peak speed of the parabolic flow profile. The mean STD is defined as

̄𝜎𝑣 =
1

𝑣max √

1
𝑁𝑠(𝑁𝑡 −1)

𝑁𝑠

∑
𝑝=1

𝑁𝑡

∑
𝑞=1

(𝑣(⃖⃖ ⃗𝑟𝑝, 𝑡𝑞) − 𝑣(⃖⃖ ⃗𝑟𝑝))
2
, (7.6)

where 𝑣(𝑟) is the average speed over all time steps. Both metrics are only evaluated for
points within the vessel and between 𝑦 = ±5 mm.
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Figure 7.3: Top and side view of the obtained velocity vectors in a simulated parabolic flow phantom. For
visualization, the vectors only originate from three orthogonal planes that all cross (0 mm,0 mm,15 mm). Velocities
outside the vessel are not displayed.

7.4 Results
7.4.1 3D
In Figure 7.3 a top and side view of the obtained velocity vectors in a volume are shown. To
aid visualization, the arrows only originate from three orthogonal planes, but the velocities
are estimated in the whole shown volume. From the figure, it can be observed that the
vectors consistently point in the same direction, i.e. the direction of the flow, and that the
vector lengths are larger in the centre of the vessel as can be expected from a parabolic
profile. The figure also shows some inaccuracies, because in the side view the profile
appears more symmetric, while this is not the case in the top view where the velocities
are generally higher on the right-hand side (𝑥 > 0). The results are quantified in the next
sections.

7.4.2 Number of sub-apertures
In Figure 7.4a the mean relative error and the mean STD are shown as a function of the
number of sub-apertures per sub-volume for a peak velocity of 75 and 150 cm/s, and for a
Rx sub-aperture of 5 columns. For 150 cm/s the relative error is lowest at 5 sub-apertures
with 12.5%, while the STD has a minimum at 6 sub-apertures and is slightly below 9.3%. For
75 cm/s the relative error is lowest at 9 sub-apertures with 9.5%, while the STD is lowest
at 10 sub-apertures with 8.6%. No more than 10 sub-apertures are used, because part of
the effective elements would otherwise lie outside the emulated matrix with 80 columns.
The trend shows that for fewer sub-apertures, the estimation results are limited by the
resolution due to the limited aperture size, while for more sub-apertures the frame rate is
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Figure 7.4: (a) Mean relative error and mean STD as a function of the number of sub-apertures for a peak velocity
of 75 cm/s (solid line) and 150 cm/s (dashed line), and a Rx sub-aperture of 5 columns. (b) Mean velocity (solid
line) and mean STD of the velocity (shaded area) along three different lines, all crossing (0 mm, 0 mm, 15 mm)
for a peak velocity if 150 cm/s. In red 3 sub-apertures were used per sub-volume for each image, in blue 7. The
transparent parts are outside the vessel and not used for calculating the metrics.

the limiting factor. The STD has a minimum at slightly more sub-apertures because with
more sub-apertures, more data is used to form a single image.

Because an image is reconstructed from multiple pulse/echo cycles, motion artefacts
can appear. This also affects the estimated velocity, especially in the 𝑥-direction where
the sub-aperture translation occurs. This is evident at the top of Figure 7.4b, where the
estimated profile is asymmetric, with higher velocities estimated on the right side.

For a peak velocity of 150 cm/s, 3 and 7 sub-apertures have a similar performance in
terms of absolute error, but the velocity profiles are different. Considering only the top
panel of Figure 7.4b, it can be seen that with 7 sub-apertures the velocity is underestimated
at all points, except where the velocity comes close to 0. However, with 3 sub-apertures
the velocity is mostly overestimated at all positive 𝑥. Although for both number of sub-
apertures the mean absolute error is similar, the bias with 3 sub-apertures will be lower.
Whether this is preferable depends on the circumstances.

In the bottom panel of Figure 7.4b the velocity along the 𝑧-axis can be seen. With 7
sub-apertures, the estimated speed around 15 mm is underestimated more and the profile
is mostly flat, compared to 3 sub-apertures. This indicates that the estimation accuracy of
these higher velocities is limited by frame rate.

7.4.3 Velocity components
Figure 7.5 shows the relative error and the STD of the estimated angles for images created
with 5 sub-apertures and a peak velocity of 150 cm/s. The figure shows that the inclination
𝜙 is estimated with the best accuracy and precision, while the estimation of the rotation
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Figure 7.5: The mean bias (solid line) and STD (shaded area) of the estimated angles for 5 sub-apertures per
sub-volume, a Rx sub-aperture of 5 elements and a peak velocity of 150 cm/s. Both are shown along three different
lines, all crossing (0 mm, 0 mm, 15 mm). The transparent parts are outside the vessel and not used for calculating
the metrics.

𝜃 is visibly worse. The results for 𝜃 are mainly because of the inability to estimate a
consistent 𝑥-velocity. If the estimated 𝑦-velocity were also inconsistent, the estimation of
the inclination 𝜙 would also be inaccurate, which is not the case.

For both the velocity along the 𝑥- and 𝑧-axis, the estimation becomes worse towards
the edges. There are two main reasons. First, there are no scatterers outside the vessel and
therefore the remaining signal is just clutter from side lobes. At some point, part of the
block used for estimation includes this region and this clutter causes an increased variance.
Second, the velocity gradient is highest at the edges of the vessel. At these points the
algorithm is unable to estimate a consistent 𝑥-velocity, likely because of the low resolution
as the effect is most visible in the top panel of Figure 7.5. Together, this causes a sharp
increase in variance and error.

7.4.4 Rx sub-aperture
In Figure 7.6 the mean relative error and mean STD as a function of the Rx aperture width
for 7 and 10 sub-apertures per sub-volume are shown. A width of more than 5 columns is
not used for 10 sub-apertures as it would require more than 80 columns. The best results
are obtained for 7 sub-apertures at 5 columns with an error 10.3 % and an STD of 9.6 %,
while for 10 sub-apertures the best results are at 5 columns with an error 9.2 % and an
STD of 8.2 %. The high error and STD caused by a small Rx sub-aperture is due to the
correspondingly small aperture for imaging reconstruction that results in a low lateral
resolution. For a wide Rx sub-aperture the high error and pitch are caused by two effects.
First, the large width of each sub-aperture results in more directive sub-apertures that lower
the resolution because they contribute less to parts of the image at a large angle. Second,
the large pitch results in grating lobes closer to the main lobe and thus increase clutter.
Both a too narrow or wide Rx sub-aperture will thus negatively affect the performance.
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Figure 7.6: Mean relative error and mean STD as a function of the Rx sub-aperture for 7 sub-apertures (solid line)
and 10 sub-apertures (dashed line) for a peak velocity of 75 cm/s. A width of more than 5 columns is not used for
10 sub-apertures because it would require more than 80 columns.

Using 10 sub-apertures instead of 7 shifts the optimum width to the left and results
in a lower error and STD. The optimum for both number of sub-apertures is more or
less at the same total aperture width, but with 10 sub-apertures the spatial sampling of
the total aperture for reconstruction is finer. This shows that it is beneficial to use more
sub-apertures and a smaller effective receive element whenever possible.

7.5 Discussion
In this paper we numerically investigated the performance of vector flow imaging with an
imaging scheme that represents an electronically translatable linear array. The imaging
scheme was designed to allow high-frame-rate imaging of the carotid bifurcation with our
PZT-on-ASIC matrix. In a previous paper the imaging scheme was investigated for CPWI.
Here, we applied it to VFI, which requires a higher frame rate to measure the blood flow in
the carotid artery. Additionally, we directly evaluated the performance with the estimated
velocities.

7.5.1 Trade-offs of the imaging scheme
The imaging scheme has four parameters that can be varied: Tx sub-aperture width, Rx
sub-aperture width, sub-aperture pitch and the number of sub-apertures per image. All
these parameters present a trade-off, as we will discuss below.

Number of sub-apertures per sub-volume
The first trade-off is the number of sub-apertures per sub-volume. A low number of sub-
apertures yields a high frame rate and a narrow aperture in receive, while the reverse is
true for a high number of sub-apertures. A high frame rate results in a higher correlation of
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the moving particles between subsequent frames [262]. Furthermore, it prevents velocity
aliasing in the VFI algorithm, which for the algorithm in this paper would present itself
as phase wrapping at higher spatial frequencies. A wider aperture in general results in a
higher lateral resolution, which would allow for more accurate measurements of higher
spatial velocity gradients [263]. Consequently, for a specific velocity profile and peak
velocity, an optimal number of sub-apertures can be found in terms of error and STD. The
result in Figure 7.4a support this, as the trade-off between resolution and frame rate results
in a different optimum for different peak velocities.

Purely looking at the effect of the number of sub-apertures on frame rate, it can be
expected that halving the velocity would double the optimal number of sub-apertures.
This also was more or less observed when comparing the 75 cm/s and 150 cm/s cases in
Figure 7.4a. However, this expectation is not always true as the number of sub-apertures also
influences the aperture size and, consequently, the lateral resolution. With a low number of
sub-apertures, the resulting low lateral resolution hinders accurate measurement of velocity
gradients, particularly when they become steeper with higher velocities. Conversely, with
a high number of sub-apertures the contribution of outer sub-apertures to the image
diminishes. As a result, the anticipated factor of 2 difference is only approximate.

As previously stated, a specific velocity profile and peak velocity would have an optimal
number of sub-apertures. In this study, we only varied the peak velocity, but did not study
variations in the underlying profile by, for example, changing the vessel width to create
different gradients. Higher spatial velocity gradients are expected around the carotid
bifurcation as (helical) vortices are present [53]. In such cases, a higher resolution would
become more crucial to achieve high accuracy and precision. Consequently, more sub-
apertures per sub-volume then become necessary.

Receive sub-aperture
The second trade-off is the Rx sub-aperture. In this paper we have set the sub-aperture
pitch equal to the Rx sub-aperture width. The combined effect can be compared to changing
the total width of a standard array for a fixed number of elements. Therefore, both a too
narrow or too wide Rx sub-aperture will negatively affect the performance, as shown in
Figure 7.6. Compared to the number of sub-apertures per sub-volume, the gradient in
relative error and STD around the optimum is lower for the Rx sub-aperture. This indicates
that the Rx sub-aperture is less critical for performance.

While we kept the sub-aperture width and pitch the same in this paper, the matrix
architecture allows them to be decoupled. This was done by Mozaffarzadeh et al. [161]
in a prior study. For a single scatterer, they observed that a smaller sub-aperture width
compared to the pitch led to enhanced resolution, primarily because the increased opening
angle caused the outer sub-apertures to play a more substantial role in the reconstruction
process, while the grating-lobe level generally worsened. Conversely, a wider sub-aperture
width compared to the pitch worsened both the resolution and grating-lobe level, mainly
due to the reduced opening angle. However, the effect of this was less pronounced compared
to changing the width and pitch simultaneously. Therefore, a smaller sub-aperture width
compared to the sub-aperture pitch can at most allow for fine-tuning the trade-off between
lateral resolution and clutter.
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Transmit sub-aperture
In this paper we transmitted with all elements and we did not further investigate the
effect of the transmit sub-aperture width. This parameter was investigated previously by
Mozaffarzadeh et al. [161]. For a single scatterer and a transmit sub-aperture that is co-
centred with the receive sub-aperture, as is illustrated in Figure 7.1, they demonstrated that
a larger transmit aperture generally yields improved resolution, along with reduced side-
and grating-lobes. This improvement occurred up until a certain sub-aperture width, after
which the results did not improve any further. The main reason for the worse performance
at smaller sub-apertures was that the scatterer was not consistently illuminated during
each pulse-echo and therefore not every receive sub-aperture contributed equally during
image reconstruction. This indicates that the transmit aperture should be wide enough to
always illuminate the region of interest during all pulse-echo events.

In this paper, we always transmitted with all elements. While this means that the
transmit aperture is wide enough, it is also wider than necessary for most situations
considered in this paper. If a wider region than necessary is illuminated, signals from remote
regions will act as clutter and might therefore deteriorate the performance. Therefore,
the best choice for the transmit aperture is thus to make it just wide enough and keep it
centred at the region of interest. Due to the simulation environment without tissue and
additional clutter, not using this choice has a minimal influence on the results in this paper,
but larger effects can be expected in-vivo or on a phantom with more clutter sources.

7.5.2 Number of sub-volumes
To reduce the effect of grating lobes, the velocities in the imaging volume are reconstructed
from multiple sub-volumes, as discussed in Section 7.2.2. In our simulations, more, tighter
spaced sub-volumes improved the accuracy and precision, but the majority of the im-
provement was between 1 and 3 sub-volumes (comparison not shown). The reason is
that only for a single sub-volume and a sub-aperture pitch of at least 4 columns, grating
lobes would influence the results at the edges of the vessel. With multiple sub-volumes,
the maximum required steering angle was lower and the effect of grating lobes was thus
negligible. Therefore, the number of sub-volumes should be such that the effect of grating
lobes remains limited.

It might be possible to further enhance the performance by choosing distinct parameters
for each sub-volume. For example, by using more sub-apertures for a sub-volume in areas
where the velocity is lower, the performance there could be improved. In this case more
sub-volumes might be beneficial, but this needs further investigation.

7.5.3 Limitations of this study
In this study we performed simulations on a phantom with a straight tube vessel with a
slight inclination and rotation. We believe this is fine for an initial investigation, but this
avoids certain issues that would appear in in-vitro and in-vivo measurements.

Lack of surrounding tissue
In the simulations we did not include a vessel wall and tissue. Ideally, a tissue filter should
remove this kind of clutter, and in that case the results from this paper would not change.
However, in practice perfectly separating blood and clutter is not always possible. For
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example, inadequate separation of the slow blood flow near the vessel walls from the
surrounding tissue can cause an under- or overestimation, depending on whether the filter
insufficiently attenuates tissue clutter or also removed the low-velocity components of
blood flow, respectively [264]. The problem is exacerbated by varying tissue motion that
causes the ideal filter parameters to differ depending on the cardiac cycle and breathing.
However, this is a general problem with clutter filters and the effects of imperfect filtering
on the trends observed in this paper are not expected to be any different. Therefore, by
excluding tissue from the simulation, the focus can be on the performance of the estimation
with the described matrix and imaging scheme.

Velocity range and gradients
In this paper, a parabolic flow profile with a peak speed of 150 cm/s is considered. The
best estimation was achieved with 5 sub-apertures, corresponding to a sub-volume rate of
4000 Hz. Due to the angles used, the peak flow velocities were 26, 145 and 26 cm/s in 𝑥,𝑦
and 𝑧 respectively. The peak velocity in yy exceeds the typical range around the bifurcation
[247], but higher velocities can occur in zz [265], and possibly in 𝑥. Additionally, helical
flow patterns around the carotid bifurcation [53] can result in steeper velocity gradients
than those used in this paper, which could pose practical issues.

Higher velocities result in more flow in and out of a block between images and can
introduce velocity aliasing. The former could be partially alleviated by increasing the
block size [266]. Velocity aliasing can be prevented by satisfying Equation (7.4). Higher
velocities would then instead limit the number of useable frequencies, which can worsen
the estimation results. This is visible in Figure 7.4a, where a slight change in trend for both
the error and STD is visible for more than 8 sub-apertures because spatial frequencies in 𝑦
are excluded to prevent aliasing. Therefore, both a loss of correlation and velocity aliasing
can be alleviated, and a higher velocity itself is not an issue.

Steeper gradients, for example due to helical vortices, are a larger problem. Due to
the matrix and imaging scheme, the lateral resolution in 𝑥 is limited, especially for a low
number of sub-apertures and a small receive sub-aperture. With a low resolution, the
ability to measure high spatial velocity gradients is reduced [263]. This is visible at the
top of Figure 7.4b, where the measured velocity at 𝑥 = ±3.2 mm has a higher bias with a
narrower aperture. Lateral resolution can be improved by using more sub-apertures per
sub-volume or widening the Rx sub-aperture to increase the resolution, but this also has its
downsides. Therefore, whether the error remains acceptable in regions with a high spatial
velocity gradient should be investigated further.

SNR
In this study we did not include any sources of noise and clutter. Therefore, we also did
not study the impact of the parameters on signal-to-noise ratio (SNR). A combination of
more sub-apertures and narrower sub-aperture could for example increase the SNR. This
increase could be crucial for blood flow imaging as the amplitude of the reflected signal
is about 40 to 60 dB lower than the surrounding tissue [76]. Therefore, the effect of the
parameters on SNR should be further investigated.
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7.5.4 Further improvements
To enhance the results obtained in this study, two main changes can be made in addition
to addressing the previously discussed limitations: motion compensation and an iterative
VFI scheme. Both are discussed below.

Motion compensation
Due to the matrix’s architecture and the imaging scheme, a single image is created from
multiple pulse-echo events taken at different time instants. Therefore, motion artefacts will
appear if anything in the region of interest moves between each pulse-echo, which is the
case in this paper. The effect of the artefacts is most evident in the upper part of Figure 7.4b,
where the velocity profile is not symmetric around 𝑥 = 0. Here, the motion artefacts cause
the velocity on the right side to be estimated higher than on the left. Changing the scanning
or flow direction will cause the artefacts to affect the results the other way around, i.e.
higher velocities estimated on the left and lower on the right.

These artefacts could be mitigated by applying motion compensation before beamform-
ing. Jorgensen et al. [123] has shown that, especially at high velocities, the accuracy of the
velocity estimation is improved with an iterative motion compensation scheme, albeit at
the cost of lower precision. Implementing this motion compensation scheme will likely
resolve the asymmetry in our results and reduce the bias of the velocity estimation.

Iterative VFI
The choice of block size in the VFI algorithm has a profound effect on the results [267]. To
achieve a high signal-to-noise ratio, especially at higher velocities, a larger block is required.
However, larger block sizes can lead to reduced accuracy, as the estimated velocity is an
average of the velocities present in the estimation volume. Moreover, flow patterns can
contain shear and rotation, which further worsens the accuracy. To mitigate these issues,
the displacement can be estimated in multiple iterations, starting with a larger window size
and progressively decreasing it while deforming the images between each pass. Iterations
can thus improve the estimation results. However, in our study, we have chosen not to
incorporate iterations to limit the number of parameters.

7.6 Conclusion
In this paper we have shown the first step towards measuring 3D velocity vectors in a large
volume with an electronically translatable linear array scheme. The imaging scheme has
various parameters that affect the accuracy and precision of the estimated velocity. The
number of sub-apertures had the largest effect. For a parabolic flow velocity with a peak
velocity of 150 cm/s and a receive sub-aperture of 5 columns we achieved a relative error
of 13% and an STD of 9% using 5 sub-apertures. With fewer sub-apertures, the results were
hampered by a lack of resolution, while for more sub-apertures the lower frame rate caused
an underestimation at high velocities. The results in this paper show that it is feasible to
measure the high velocities in the carotid artery using an electronically translatable linear
array, provided appropriate trade-offs are made.



131

8
Adaptive Array Clutter Filter for

High-Frame-Rate Vector Flow
Imaging with a 2-D Sparse Array

This chapter is to be submitted as:
F. Fool, S. Rossi, A. Ramalli, P. Tortoli, N. de Jong, M. D. Verweij, and H. J. Vos, “Adaptive Array Clutter Filter for
High-Frame-Rate Vector Flow Imaging with a 2-D Sparse Array,”



8

132 8. Adaptive Array Clutter Filter for High-Frame-Rate Vector Flow Imaging

8.1 Introduction
Medical volumetric ultrasound imaging has been introduced in past decades in cardio-
vascular, oncological, and obstetric fields. Originally, the volumetric nature was obtained
by mechanically sweeping a 1D array in a dedicated holder, or by manual or automated
scanning with positioning sensing [51], [52]. Such techniques can reach up to few volumes
per second, which is acceptable if the underlying structure is not moving fast. However, to
accurately measure high blood velocities in all three orthogonal components, volume rates
in the order of 1 kHz might be necessary.

In the past decade, matrix transducers, also called 2D arrays for 3D or 4D ultrasound,
where the fourth dimension is time, have been introduced that can reach the required frame
rates. Yet, currently available matrix transducers inherently make a trade-off between
resolution, clutter, frame rate and signal-to-noise ratio (SNR), caused by the complexity of
signal data capture in such transducers since the number of elements scales quadratically
with aperture size instead of linearly compared to the original 1D arrays. The large number
of elements poses, among others, a large challenge to the cable count [60], [268], which
the various matrix types deal with in different ways [59], [61], [64], [72], [73].

Recently, sparse 2D arrays have been studied in which elements are located or selected
sparsely in a larger aperture [61]. They can achieve a similar lateral resolution and field-
of-view as fully-sampled matrix transducers with the same aperture width, at the cost
of a lower SNR and more clutter. The lower SNR is caused by the reduction in effective
transmit/receive apertures. For every halving in the area occupied by the elements, upon
further proper design of surrounding electronics, the signal-to-noise ratio is theoretically
reduced by 9 dB [166], [269]. This decrease could partly be alleviated by increasing the
element size. Normally, the elements in a matrix have typical dimensions of 0.5 𝜆c in each
lateral side, with 𝜆𝑐 being the wavelength of the ultrasound waves in the medium related
to the centre frequency. This dimension is a good trade-off between opening angle of
the view, area usage, SNR, and grating lobe levels. By increasing the element dimensions
the effective area and therefore SNR is increased, at the cost of a reduction in the field
of view or an increased clutter level due to the grating lobes [1], [62]. In-probe signal
amplification may also increase SNR [63]. The increased amount of clutter is caused by
the insufficient spatial sampling of the acoustic field, since the field is sampled at random
distances generally larger than half wavelength thus violating the Nyquist criterion. In
single-beam transmission and/or single scatter receive experiments, the clutter is visible as
relatively high off-beam/off-scatter signal intensity. For example, a recent paper showed
clutter levels in the order of −25 dB below the main beam [270], whereas −50 dB is a normal
acoustic clutter level for fully-populated arrays. By carefully selecting the placement of
the elements in a sparse array, the clutter level can be controlled [61], but not avoided.
For example, the elements positions can be based on the Fermat Spiral [62] or optimized
based on a cost function [271], which will change the details of the clutter pattern. Notably,
this kind of clutter from the insufficient spatial sampling is deterministic and implies that
averaging subsequent images will not reduce this. Only changes in transmission fields, or
changes in the imaged object, may yield changes. Therefore, while the drawbacks can be
partly reduced, the SNR and side-lobe levels will still be worse compared to a fully-sampled
array.
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Both the lower SNR and higher amount of clutter are detrimental for the ability to
accurately measure blood flow. A high SNR is required to be able to measure blood flow, as
the signal from blood is approximately 40 to 60 dB [76] lower than tissue, and hence deeper
vessels can be detected with higher SNR. The higher side-lobe level causes the signals to
become spread out. This causes a mixing of the signals coming from different positions,
resulting in a larger bias and variance when estimating velocities. Additionally, high-frame-
rate imaging in general has a higher clutter level as a larger volume is illuminated compared
to line-by-line imaging [7]. Therefore, SNR and clutter are the main issues reducing the
ability to accurately measure blood flow and methods have to be found to improve both.

In this paper our focus is on reducing the amount of clutter to improve velocity estima-
tion performance when measuring blood. There are two kind of clutter sources in blood
Doppler. First, tissue clutter is the standard kind of clutter known in Doppler and refers
to signals from surrounding tissues that interfere with the ability to measure blood flow.
Second, array clutter refers to the side- and grating-lobes that are, among others, affected
by the array topology and the transmitted beam. Our focus is on reducing this array clutter.

To reduce array clutter, a number of methods can be employed. For example, more ad-
vanced beamforming techniques can be used than delay-and-sum beamforming. Coherence-
based beamforming techniques reduced array clutter in multi-line transmission B-Mode
imaging [272] and spatial coherence beamforming has shown to significantly reduce clutter
in Power Doppler images made with a sparse array and with use of sparsely distributed
ultrasound contrast agents [165]. However, the effectiveness of advanced beamforming in
improving accuracy and precision when estimating flow velocities has not yet been shown,
although initial attempts have been made [273].

An alternative approach might be to apply a filter on the data. In Doppler ultrasound,
filters are used to remove tissue clutter from the images. As tissue generally moves at a
lower velocity than blood, a temporal high-pass filter on subsequent frames can be used
to separate the blood signal from tissue signal [76], [274]. More recent studies show that
singular value decomposition (SVD) filters [9], [10] can even further reduce tissue clutter
compared to blood signal. The main difference between SVD-based filters and the more
traditional spectral filters is that SVD filters also take into account the spatial component of
the signals besides the temporal. However, array clutter does not have distinct temporal and
spatial components as compared to the point spread function (PSF) peak, which assuming
appropriate image reconstruction is performed overlaps with the real position of the point
scatter, hence both temporal and spatio-temporal filters fail in separating them.

Alternatively, array clutter can be reduced by using coherent compounding [7], [91],
[275]. With this technique, a sequence of partially overlapping ultrasound beams is trans-
mitted and the reconstructed lower-quality image data are then coherently summed in
radio-frequency (RF) or in-phase-quadrature (IQ) format. This compounding yields a final
image with better image quality, both in terms of resolution and array clutter level, com-
pared to the separate images reconstructed by the single beams. This exploits the fact that
for a static point scatterer the array clutter changes based on the transmission field, while
the PSF does not, thereby generating a distinct characteristic. However, this approach is
problematic if the point scatterer moves between images. The process of compounding is
effectively a moving average over the captured series of lower-quality image data, and it
thus acts as a temporal low-pass filter. As high axial velocities of blood and tissue corre-
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spond to high Doppler frequencies when the series is viewed in the frequency domain, the
moving average operation thus attenuates and possibly even removes those signals, thereby
resulting in an underestimation of the velocities [92]. Therefore, in practical situations
where high velocities are present the ensemble length and array clutter reduction are
limited.

In this article, we propose an adaptive array clutter filter that exploits the change in
array clutter based on the transmission field, and takes into account the displacement
between images to prevent suppression of high velocity signals. To account for different
velocities in each part of the image and over time, the algorithm is applied separately on
subvolumes and limited temporal windows. We will demonstrate the suitability for flow
imaging in a simulation study by applying it to high-frame-rate vector flow imaging with
a sparse array, which inherently has higher array clutter.

8.2 Method and materials
The adaptive array clutter filter technique consists of two filter steps. In the first step,
tissue clutter is removed based on the different characteristics of tissue as compared to
blood. This step also removes array clutter belonging to tissue. The second step employs
an adaptive temporal filter to remove array clutter. The temporal filter assumes a range of
dominant Doppler frequencies caused by blood flow and adapts the frequency range used
for filtering to retain these dominant frequencies while eliminating quasi-random array
clutter noise. This approach is different from conventional coherent compounding, which
removes high-Doppler-frequency flow signal regardless, whereas the proposed technique
can retain such signals as long as a range of dominant frequencies is observed in the
measured frequency spectrum. Since we may expect that the velocity is not uniform within
the entire volume and measurement period, the adaptive filter is applied on subvolumes
and limited temporal windows. The effectiveness of the array clutter filter depends on
the sequence of transmitted beams as it affects how the array clutter changes between
subsequent images. Therefore, we will discuss the 2 steps, and the transmission sequence,
in the next subsections.

We will evaluate the performance of the array clutter filter method in a numerical
phantom, which is visualized in Figure 8.1, and compare it to conventional compounding.
The parameters for the simulation will be further elaborated in Section 8.2.4.

8.2.1 Transmission sequence
The transmission field partly determines the array clutter, and consequently, the transmis-
sion sequence determines the variation in the array clutter in the ensemble of subsequent
images. Hence, we will discuss the parameters of the transmission sequence, which are the
number of unique beams, the characteristics of each beam, and the order in which they are
transmitted. For simplicity, we use collimated beams only in this study, i.e. ‘plane waves’,
and the only beam characteristic that is varied is the transmission direction of each beam.

Beam directions
The transmission beams should always cover the desired imaging volume, constraining the
choice of directions. Within this constraint and the given number of beams, the directions
must be selected appropriately. We define the beam direction by the normal vector of the
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Figure 8.1: (a) Sparse matrix along with a vessel inclined at 10° and a wall. (b) Sparse matrix with the outline of a
steered plane wave and the corresponding normal unit vector. The dark circle at 15 mm depth indicates the region
where all plane waves overlap, which decreases in radius with increasing maximum range 𝑟0 of the transmitted
beams.
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Figure 8.2: Beam directions represented using the 𝑥,𝑦 coordinates of the normal vector of the plane wave with a
maximum range of 𝑟0. The lines between the coordinates indicate the order in which the angles are traversed.
The dashed circle indicates the maximum range 𝑟0. (a) Periodic. (b) Fermat spiral.

plane wave 𝑛̂ = (𝛼,𝛽,𝛾 ), as illustrated in Figure 8.1b, with √𝛼2 +𝛽2 limited to a maximum
range of 𝑟0. The transmission directions can be chosen following either a regular pattern,
such as laying on a Cartesian grid as shown in Figure 8.2a, or an irregular pattern, such
as based on the Fermat spiral as shown in Figure 8.2b. Similar to the design of sparse
arrays, non-periodic sampling reduces the peak array clutter level for the same number
of transmissions, as demonstrated by Bae et al. [275], [276]. They showed that directions
based on the Fermat spiral can provide similar compounded-image quality, in terms of
lateral resolution and contrast, as a periodic pattern, yet with 2 to 6 times fewer directions.
Therefore, using irregular sampling reduces the number of required directions.

Order of directions
The order of beams in the sequence affects the results if the object is moving. Denarie et
al. [277] showed that a different order can improve image quality with compounding, and
Porée et al. [122] demonstrated that different orders affect the performance of their motion
compensation scheme. To understand this behaviour, consider Figure 8.3, which shows the
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Figure 8.3: Illustration of the resulting image of a single scatterer made with 2 sequences with the same 5 directions,
but in a different order. The array clutter is indicated by the red dashed lines.

PSF of a stationary scatterer insonified with 5 beams having varying angle in two different
orders The PSF peak is not affected by the change in transmission direction, while the
the array clutter, indicated by the red dashed lines, varies strongly with the transmission
direction. With the regular order, the rotation is gradual between the subsequent beams,
while with the irregular order it is more varied. This implies that the array clutter with
the regular order mostly vary with a lower and more consistent velocity and therefore the
temporal characteristics of the array clutter will be similar to that of the moving scatterers.
On the other hand, the array clutter with the irregular order has a higher and more varied
velocity and will hence form temporal ‘acoustic noise’, that can be removed by an adaptive
temporal filter based on the measured dominant Doppler frequency of the moving scatters.
Therefore, an irregular order of the directions will result aid in the removal of array clutter.

Considering the two sequences in Figure 8.2, the above reasoning implies that for the
periodic sequence, if the directions are traversed in the shown order, it will perform worse
than the spiral sequence as the differences between subsequent directions for the Spiral
sequence are larger and more varied. It is possible to re-order the periodic sequence to
achieve larger differences between subsequent transmissions, but the spiral sequence will
still outperform it due to the irregular sampling.

Number of unique beams
The number of unique beams 𝑁 is limited by the requirements for tissue filtering and this
follows from two points. First, the separation of tissue from blood requires different spatial
and/or temporal characteristics, which must also be true for their corresponding array
clutter. In subsequent images made with different transmission directions, the change in
array clutter mostly depends on the change in direction, especially if the change is large
between subsequent images, which is important as discussed before. This means that array
clutter from tissue and blood will have similar characteristics and not all signals belonging
to tissue can be removed. Only between repeated instances of the same direction, the
difference is determined by the movement of the PSF peak. Therefore, effective tissue
clutter filtering requires a periodic sequence. Second, the length of the periodic sequence is
limited due to a limited measurement time and the reduced effective PRF for tissue filtering.
The limited measurement time limits the amount of samples available for filtering. Efficient
filtering with few samples is a challenge [76], [274]. With few samples available, filters
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Figure 8.4: Local slow-time frequencies from a 1 mm × 1 mm × 0.2 mm sub-volume centred at (0 mm,0 mm,15 mm)
for 1, 3, 5, 7 and 9 unique beams.

generally have a poor transient response or a low attenuation of tissue clutter, which both
negatively affect the ability to remove tissue clutter. The effective PRF for tissue filtering is
reduced by a factor 𝑁, i.e. 𝑃𝑅𝐹𝑇 = 𝑃𝑅𝐹/𝑁, and this can cause temporal aliasing due to the
lowered Nyquist frequency. This can be the case for both tissue and blood signals, but only
the former presents an issue. Considering an SVD filter, we expect that aliased signals have
a lower correlation between the images and thus will appear at a lower rank. Therefore, if
only blood signals are aliased, tissue signals will remain a high ranks and can therefore
still be separated. If the tissue signals are also aliased, we expect that the ranks containing
tissue and blood will not be separated any more and that might make sufficient separation
between tissue and blood impossible. Therefore, the number of unique beams 𝑁 is limited
because a periodic sequence of a certain length is necessary for effective tissue filtering.

8.2.2 Tissue filter
The tissue filter separates tissue signals from blood signals by exploiting the differences
in the temporal and/or spatial characteristics. These differences are only found in data
obtained with the same direction, as discussed in Section 8.2.1. Therefore, the tissue filtering
is applied on a sequence formed of each transmission direction separately.

In principle, temporal high-pass filters could be used to remove the tissue signals.
However, the application per-direction does increase the sampling interval, possibly leading
to aliasing of the blood and tissue signals. In that case, a spatio-temporal filter, like an SVD
Filter [9], might be necessary to separate the two as their temporal characteristics overlap.

8.2.3 Array clutter filter
The array clutter filter removes the array clutter corresponding to blood signals using a
temporal filter. Compared to conventional compounding, we propose two modifications.
First, instead of a ‘fixed’ moving average, we use an adaptive frequency filter that determines
the dominant spectral frequencies in the data and applies a band-pass filter around this
band. Second, realizing that the flow velocity will vary spatially and temporally, and
thus also the spectral content, this adaptive filter is applied on sub-volumes and temporal
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windows. This approach only works if a set of dominant frequencies is present. This is the
case in a parabolic flow-phantom with a constant velocity as can be seen in Figure 8.4. The
figure shows that with a single transmit beam, all signals are contained within a small part
of the spectrum around a centre frequency of about 150 Hz. With 3 to 7 directions, the
signals are spread out over 3, 5, and 7 lobes, respectively, although the lobes become less
distinguishable, and the spacing between the lobes decreases with an increasing number of
directions. With 9 directions, there should be 9 lobes if the same trend continued. However,
only a single lobe can be distinguished while the other lobes effectively form an ‘acoustic
noise’ floor as the individual lobes start overlapping. The part around 150 Hz remains
relatively unchanged by the change in beams, so it can be assumed that this part of the
spectrum that is above the ’acoustic noise’ floor mainly contains PSF peaks signals, i.e.
dominant spectral frequencies, while the rest is mainly array clutter. Therefore, separating
that part from the rest of the spectrum should reduce the amount of array clutter in the
image.

Directions for maximum array clutter reduction
From Figure 8.4 it follows that with more directions, more lobes appear that are more tightly
spaced, until they effectively form an acoustic noise floor. When this floor has formed, the
energy corresponding to array clutter has been maximally spread out within the available
frequency spectrum and a higher separation between peak PSF and array clutter signals
cannot be achieved. This implies that when using a temporal filter, it is not possible to
remove more array clutter without also affecting the main-lobes and therefore the best
possible performance is reached, both in B-mode quality and for velocity estimation.

The required amount of directions to form the acoustic noise floor can be estimated
from the spacing between the lobes of array clutter and the bandwidth of each lobe. The
spacing between the lobes in the spectrum is given by PRF

𝑁
, where 𝑁 is the sequence length.

This can be derived by noting that array clutter varies periodically, and only a limited set
of frequencies can describe that periodic behaviour, similar to the possible frequencies
of the Discrete Fourier Transform (DFT). The bandwidth of each lobe of array clutter is
determined by the bandwidth of the PSF peak signals from which they originate. These do
not necessarily lie within the same sub-volume. Therefore, for simplicity, we approximate
it by the bandwidth of the dominant Doppler frequencies in this sub-volume. Furthermore,
we use the bandwidth of the signals above the acoustic noise floor as this can be easily
extracted from the spectrum if many directions are used. For the spectrum in Figure 8.4
this would be the −20 dB bandwidth that corresponds to about 600 Hz. If the bandwidth
is larger than the spacing, the array clutter is maximally spread out. For the bandwidth
derived from Figure 8.4, this would be achieved with 7 directions or more. This does not
perfectly match the trend in the figure, but we can expect that at approximately this number
of directions, performance will no longer improve.

8.2.4 Simulation Setup
An overview of the setup is visible in Figure 8.1 and a summary of all parameters can be
found in Table 8.1.
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Phantom
To investigate the algorithm described in the previous section we have done simulations
using Field II [113], [114]. The phantom contains a 3.2 mm radius vessel at a depth of 15 mm
surrounded with a 1 mm wall mainly running along the 𝑦-axis at an inclination of 10°, as
also shown in Figure 8.1a. In both the vessel and wall, the scatterers are placed randomly
with a density of 2 scatterers per axial-wavelength. The difference in mean amplitude
between wall and blood is 30 dB. The particles within the vessel follow a parabolic flow
profile with a peak speed of 15 cm/s. In the first simulations the speed is kept constant, but
in the second set the speed varies in a sinusoidal pattern at 4 Hz. This split was made to be
able to investigate the separate effects of the adaptive filters, the use of sub-volumes and
the use of temporal windows.

Array
We emulated a sparse matrix as described by Wei et al. [270]. The 256 elements are placed
according to a density-tapered spiral geometry as suggested by Ramalli et al. [62], but
modified so that the elements fall on a 215 µm × 215 µm grid. The dimensions of a single
element are 195 µm × 195 µm. The excitation signal is 5 MHz sine modulated with a 4 cycle
Hann window. No apodization is used since the density tapering already introduces an
apodization window by design.

Transmission Sequence
For the transmission beams we use directions based on a Fermat spiral as discussed in
Section 8.2.1. The maximum range 𝑟0 was set to 0.1, which implies that a circle with a
radius of 6.5 mm at 15 mm depth was illuminated by every transmitted beam, assuming
that the used matrix array is circular with a radius of 8.13 mm, which is the radius at which
the outermost element is found.

Beamforming
Images were constructed using a Fourier domain method described by Lu [261]. The used
grid had a spacing of 215 µm × 215 µm × 38.5 µm, which corresponds to the pitch of the
gridded sparse matrix in 𝑥 and 𝑦, and to a spatial sampling frequency of 4 times the centre
frequency in 𝑧.

Filters
Tissue signals and array clutter corresponding to blood are removed following a two-step
filtering process. For both filters all 400 images were used, unless otherwise mentioned.
First, we pixel-wise subtracted the DC component from each sequence formed of a single
transmission direction separately to remove the stationary vessel wall and its related array
clutter. The second filter is a slow-time frequency filter to separate blood from its array
clutter as described in Section 8.2.3. The filter is applied on all images, unless otherwise
mentioned, but on each sub-volume with a size of 1 mm × 1 mm × 0.2 mm separately with-
out any overlap. To find the dominant part of the spectrum in each subvolume and temporal
window, we first determine the peak frequency in the spectrum. Next, we determine the
first points before and after the peak that cross the ’acoustic noise’ floor, which we de-
fine as the mean amplitude of all spectral frequencies. Within this region, we assumed
that the main-lobe signals were in the majority, while in the other part there was mainly
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array clutter. By retaining this part the majority of the array clutter is rejected and the
main-lobes are retained. The filter was applied in the Fourier domain and its profile is
constructed in the following way. First, the filter profile is initialized with a gain of 1 for
the dominant Doppler frequencies and a gain of 0 for other frequencies. Then, the gain
profile is smoothed by convolving it with Gaussian window having a STD of 5 times the
spacing in the frequency domain to reduce temporal ringing.

Velocity estimation
To estimate velocities from the images we used the same algorithm as we used in a previous
proceeding [173]. Sub-volumes, denoted as blocks here to distinguish from the sub-volumes
used in filtering, of RF data with dimensions of 4 mm × 6.5 mm × 3 mm. The velocity was
estimated at intervals of about 0.5 mm in each direction, but no spatial averaging was
applied. The other settings of the algorithm are noted in Table 8.1.

Performance metrics
To assess the accuracy and precision of the estimated velocity we calculated the mean
relative error and the mean standard deviation(STD) for the speed 𝑣. The mean relative
error ̄𝜂𝑣 is defined as

̄𝜂𝑣 =
1

𝑣𝑚𝑎𝑥𝑁𝑝𝑁𝑡

𝑁𝑝

∑
𝑝=1

𝑁𝑡

∑
𝑡=1

|𝑣(𝑟 , 𝑡) − 𝑣𝑟(𝑟 , 𝑡)|, (8.1)

with 𝑣(𝑟 , 𝑡) the speed at a point in space and time, 𝑣𝑟(𝑟 , 𝑡) the ground truth speed at the
same point in space and time, 𝑁𝑝 the total number of points, 𝑁𝑡 the total time steps and
𝑣𝑚𝑎𝑥 the peak speed of the flow. The mean STD is defined as

̄𝜎𝑣 =
1

𝑣𝑚𝑎𝑥 √

1
𝑁𝑝(𝑁𝑡 −1)

𝑁𝑝

∑
𝑝=1

𝑁𝑡

∑
𝑡=1

(𝑣(𝑟 , 𝑡) − 𝑣(𝑟))2, (8.2)

where 𝑣(𝑟) is the average speed at 𝑟. The metrics were evaluated within the vessel and
𝑦 = ±5 mm.
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8.3 Results
8.3.1 Overview - Slice
In Figure 8.5 the estimated velocity and grayscale image after tissue filtering is shown
in a single slice for 3 different methods: single plane wave, conventional compounding
and the adaptive filter. For both conventional compounding and the adaptive filter the
number of directions is chosen such that the relative error is minimal. The figure shows in
two ways the difference in the amount of array clutter between the methods. First, after
tissue filtering there should ideally be no signal left in the regions outside the vessel. With
each method, some signal is still visible outside the vessel, but the amount differs. The
average amplitude in dB with respect to the maximum in the image in the regions above
and below the vessel wall together, i.e. above the top white line and below the bottom white
line, in the images decreases from −27.5 ± 9.0 dB with a single plane wave to −33.0 ± 8.9 dB
with conventional compounding, and to −42.9 ± 7.6 dB with the adaptive filter. Second,
the velocity, displayed using the arrows, should follow the green line, which shows the
ground truth. The average relative error in this plane is 36.3% for a single plane wave, 20.9%
conventional compounding and 13.7% for the adaptive filter. Therefore, the comparison
shows the amount of clutter is lowest with the adaptive filter, and that it outperforms
conventional compounding in this slice.

While conventional compounding and adaptive filter have a difference in relative error
of only 4.7% for the arrows at 𝑦 = 0 mm, the difference is larger at any other shown 𝑦, with
the largest difference of 9.7% achieved at right-most line of arrows. The reason for this
variation is that the Doppler frequencies correspond to a projection of the axial velocity
components of the flow. The flow profile is constant in the tube, yet the projection of the
axial velocity differs in the image; from axial velocity towards the probe on the left-hand
side to almost zero in the middle, and somewhat away on the right hand side. A projected
axial velocity of zero means that the Doppler spectral content has maximum amplitude
around 0 Hz, and so the adaptive filter will get its pass-band around 0 Hz. This is equal
to the conventional compounding, which is moving average filter, i.e., a low-pass filter
centered around 0 Hz regardless of the spectral content. Hence, the conventional and the
adaptive filter have a similar pass-band for the center part of the vessel and the vectors
resulting after these filtering steps indeed show similar direction, magnitude, and errors.
Towards the horizontal edges of the images the frequencies are not centred around 0 Hz,
and the adaptive filter changes its pass-band to follow the dominant apparent frequency
content. This leads to lower estimation error throughout the entire image.

8.3.2 Effect of PRF
Figure 8.6 compares the average relative error and STD achieved in the whole vessel with
conventional compounding and the adaptive method as a function of PRF. The single plane
wave was excluded from this comparison due to its low-quality. The amount of directions
was set such different the relative error is minimal for each method and PRF. At all shown
data points a filter adapted to the data outperforms a moving average in both metrics. With
the adaptive filter, at least a two times lower PRF can be used to achieve a similar error,
while it is at least 4 times for the STD. These results show that a filter adapted to the data
outperforms a simple moving average filter.
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Figure 8.5: Estimated velocity within the vessel in a slice at 𝑥 = 0 mm with a PRF of 4 kHz, shown using the
arrows along 6 lines. The green curve indicates the simulated parabolic flow profile for the line at 𝑦 = 0 mm.
In the background, the grayscale image after tissue filtering is shown. The white dashed lines indicate where
the vessel wall is. The number of directions used for conventional compounding and the adaptive filter is 6 and
10, respectively, which minimizes the relative error. (a) Single plane wave. (b) Conventional Compounding. (c)
Adaptive Filter.

For both conventional compounding and the adaptive filter the relative error appears
to converge for increasing PRF. From discussion about the directions for maximum array
clutter reduction in Section 8.2.3 it could be expected that the error will remain decreasing
for larger PRF, as a wider spectrum would allow the array clutter to spread out more.
However, the minimum error is also affected by the VFI algorithm, and at high PRF the
remaining error is thus mainly affected by the accuracy and precision of the velocity
estimation.

8.3.3 Effect of number of directions
In Figure 8.7 the number of directions is varied between 1 and 16 at a PRF of 4 kHz. Similar
to the results in Figure 8.6, the adaptive filter outperforms conventional compounding at
every data point. Comparing the results at 6 directions where the relative error reaches a
minimum with conventional compounding, the error improves by 4.3% with the adaptive
method, and the STD improves by 2.0%. With more directions, the performance using the
adaptive filter improves even more, until it converges. With 10 directions, the error with
the adaptive filter is 5.1% lower than conventional compounding at 6 directions, while the
STD is 2.3% lower. Again, this shows that a filter adapted to the data can outperform a
simple moving average filter.

With conventional compounding, the relative error reaches a minimum with 6 direc-
tions, while the STD remains decreasing. With more directions, and thus a narrower
filter with conventional compounding, more high frequencies are attenuated, effectively
resulting in slower varying signal and a lower variance in the velocity estimation. At
some point, this also means that, beside the array clutter, the frequencies belonging to
high velocities are attenuated and thus the relative error increases. Here, this trade-off
is illustrated for conventional compounding, but the same trade-off is present with the
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Figure 8.6: Relative error (top) and STD (bottom)
of the speed as a function of PRF for conventional
compounding and the adaptive filter. The number
of beams is set such that the relative error is mini-
mal. Note that the 𝑥-axis is logarithmic.
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Figure 8.7: Relative error (top) and STD (bottom) of
the speed as a function of the number of directions
at 4 kHz PRF for conventional compounding and
the adaptive filter.

adaptive filter. A narrower filter will thus improve the STD, but also presents a trade-off
between retention of main-lobe signals and array clutter reduction.

8.3.4 Oscillating flow
In Figure 8.8a the estimated velocity over time in the centre of the vessel directly below the
transducer is shown for a temporal window of 200 ms and 100 ms with 25% overlap between
the windows, and a length of 100 ms with no overlap. Focusing on the data with 25% overlap,
when the temporal window encompasses all data the highest velocities are underestimated.
This indicates the temporal filter is too narrow filter to encompass the higher frequencies.
Due to varying velocities, the lower Doppler frequencies corresponding to lower axial
velocities are in the majority during this timespan, while there are comparably fewer higher
Doppler frequencies. As the method only retains the dominant Doppler frequencies, high
frequencies are removed and the velocity is underestimated. With a narrower temporal
window, the range of Doppler frequencies in the data is narrower, preventing the removal
of main-lobe signal. While the 100 ms window still underestimates the velocity, the same
underestimation is present at the highest and lowest velocities, indicating that this is due
to the velocity estimation itself, not due to filtering. The lowest error is reached at about
50 ms, as visible in Figure 8.8b. Compared to the 200 ms window, the error drops by more
than 3%. With even smaller windows, the error increases again. Here, this is because
the attenuation profile of the filter was smoothed to reduce temporal ringing, effectively
turning it into an all-pass filter if very few data-points are used. While the smoothing can
be reduced, filtering with few samples is challenging in general as discussed in Section 8.2.1.
For this data, it follows from Figure 8.8b that a window length in the order of 20% of the
oscillation period, i.e. 50 ms appears to be good trade-off. These results show that the
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Figure 8.8: (a) Estimated velocity at (0 mm, 0 mm, 15 mm) over time as a function of the temporal window used
for the array clutter filter, utilizing 10 directions at 2 kHz PRF. (b) Relative error of the speed as a function of
the temporal window used for the array clutter filter, utilizing 10 directions at 2 kHz PRF. The data points are
connected using makima interpolation for visualization.

adaptive filter works best if the velocities within its filter samples remain similar, i.e. a
short temporal window, but sufficiently long so that the smoothing of filter profile does
not cause issues.

Comparing a 100 ms window with and without overlap in Figure 8.8a, the data shows
that if no overlap is used, there is a large step in the estimated velocity at 100 ms. This is
not unexpected, as in the first 100 ms the velocity is mainly positive, while it is are mainly
negative in the second, resulting in vastly different Doppler frequencies in the temporal
windows. With an overlap, the transition is smoother resulting in a lower error. The
difference between no and a 25% overlap becomes smaller with smaller temporal windows,
as shown in Figure 8.8b, proving that the jump in estimated velocity is an effect of the
significantly different velocities in subsequent windows. Using a larger overlap than 25%
did not seem to have a significant effect, as also shown in Figure 8.8b. Therefore, an overlap
is mainly beneficial if the velocities are significantly different between subsequent temporal
window, and a 25% overlap seems to work for our data.

8.4 Discussion
In this study we developed an adaptive array clutter filter method to improve performance
when estimating blood flow. Array clutter worsens contrast in B-mode images, but also
causes a mixing of blood signals originating from multiple locations, thereby potentially
causing an inaccurate velocity estimation. The filter consisted of two steps: a tissue filter
applied to the data of each transmission direction separately, and an adaptive array clutter
filter based on the measured dominant Doppler frequencies applied on sub-volumes and
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temporal windows. Velocity estimation is performed on simulated data-sets of which the
ground truth velocity profile is known to show the effectiveness of the filtering on the final
estimation accuracy and precision. We chose to apply the method on data obtained with a
sparse matrix array, which inherently has higher array clutter than a fully populated array.
Using the adaptive filter we achieved a relative error and STD of 10.7% and 5.5%, respectively,
at a PRF of 16 kHz for a parabolic flow with a peak velocity of 15 cm/s and an inclination
of 10°. Compared to conventional compounding, to achieve the same performance the PRF
would need be doubled at the least, as follows from Figure 8.6. Furthermore, the adaptive
filter reduces array clutter visible in the B-mode images in the regions outside the wall
in Figure 8.5 by 15.4 dB at 4 kHz compared to a single plane wave, while conventional
compounding only reduces this by 5.5 dB. A lower PRF was used here to more clearly show
the differences in the image. The reason for the improvements is that the adaptive filter
can apply an arbitrary filter adapted to the data on each sub-volume and temporal window,
while conventional compounding uses a fixed low-pass filter for the whole image based
on the number of directions. This highlights that the adaptive filter performs better than
conventional compounding.

8.4.1 Adaptive filter Parameters
There are several parameters of the adaptive filter that can be modified and have an effect
on the performance, i.e. the amount of directions, temporal window, sub-volume and the
algorithm to determine the bass-band. We discuss the effects here.

Number of directions
The number of directions has the largest effect on the performance of the adaptive filter as
it affects the separation between the array clutter and the peak PSF signals. As discussed
in Section 8.2.3, with more directions, the peak PSF signals are unaffected, but the array
clutter is spread out more over the frequency spectrum. Because the available bandwidth in
the spectrum is limited by the PSF, there is a maximum to how much the array clutter can
be spread out. The effect is that with more directions, a lower error and STD are achieved
using the adaptive filter until a minimum error and STD are reached at about 7 directions,
as shown in Figure 8.7. This corresponds well to the theoretical considerations presented in
Section 8.2.3. While this is an approximation using the frequencies of a sub-volume in the
center of the vessel directly beneath the probe, it still predicts the results and thus shows
that the reasoning is correct. Therefore, more directions will result in a better relative error
and STD with the adaptive filter until the array clutter has been maximally spread out over
the available spectrum.

While a certain number of directions is needed to achieve the best possible performance,
the requirements for effective tissue filtering limit the number, as discussed in Section 8.2.1.
We do not think that the number of filter samples will prove an issue due to the use of
high frame rates and because relatively few directions are sufficient to reach the best
performance. As an example, for a PRF 4 kHz and 7 directions, 57 images for each direction
are available within 100 ms. Tissue motion is more likely to limit the number of directions.
Using the same PRF and number of directions as before, the aliasing velocity would be
2 cm/s, based on the corresponding slow-time frequency if the tissue motion is purely axial.
This is higher than the estimated wall velocities of the carotid, which is about 0.5 cm/s [56],



8.4. Discussion

8

147

[90], but lower than the apparent speed of cardiac motion, which is about 10 cm/s in early
diastole [1]. In the latter case, the number of directions is thus limited by tissue motion to
a number lower than the number required to maximally spread out the array clutter. In
conclusion, tissue motion might thus limit the performance of the adaptive filter due to the
requirements for effective tissue filtering.

Temporal window
A temporal window for the array clutter filter can be used to adapt the filter to different
velocities over time. The results in Section 8.3.4 showed a large temporal window resulted
in a high error due the wide range of Doppler frequencies in the window, while for shorter
lengths the low number of data points makes filtering difficult. A 50 ms window resulted
in the lowest error in this study, which corresponds to about 20% of the oscillation period
of the flow. Section 8.3.4 also showed that an overlap between the temporal windows
ensured continuity in the data. Without overlap, steps in the estimated velocity were
visible when transitioning between windows when the velocity varied over time, as seen
in Figure 8.8a. The steps in the data reduced for smaller window lengths, visualized in
Figure 8.8b, indicating that the steps mainly appear if the velocities are significantly different
in subsequent windows. Therefore, a temporal window length in the order of about 20%
of the oscillation period presents a good trade-off between sufficient filter samples and
adaptability to the temporal variation, and a small overlap is thus necessary to prevent
continuity in the data.

While 20% of the oscillation period works for the setup in this paper, it does not directly
translate to other flow profiles, PRFs and arrays. To convert it to other situations, it can be
noted that it is the difference in Doppler frequencies over the temporal window that affects
the performance, not the velocity difference itself. Furthermore, with a higher PRF larger
variations in velocity over time could be measured, and this can be addressed by converting
it to a difference within a number of temporal data points. Therefore, by converting the
period to a maximum difference in Doppler frequency within a number of data points, the
results can also be applied to other situations.

Sub-volume
Sub-volumes are used to adapt the filter to different velocities spatially, and the effect is
similar to the temporal window. Therefore, we did not systematically investigate the effect
of the sub-volume size in this paper. There are however two notable differences. First,
the array clutter does not apply a spatial filter, and therefore small sub-volumes do not
affect the filtering performance. However, small sub-volumes will suffer from stochastic
noise if present, which is not the case in this paper, and also the stochastic nature of the
backscattered signal itself [278]. Both effects will negatively affect the ability to estimate
the dominant Doppler frequencies within small sub-volumes, as larger sub-volumes will
average out the variation. Second, Doppler frequencies do correspond to a projection of the
velocity, as mentioned in Section 8.3.1, and the sub-volume size that achieves the lowest
error might thus differ depending on the position of the sub-volume even if the velocities
are the same. The effect of both should be investigated in a future study.
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Pass-band determination

For the results shown in this study, we choose the cut-off points for the filter at the first
frequencies that coincided with the mean amplitude of all frequencies around the peak
frequency. This produced good results for this paper, but we expect that this approach is
not robust enough. Choosing the first frequency that crosses a threshold is likely severely
affected by noise, especially if small sub-volumes or short temporal windows are used.
There was no stochastic noise present in this study, but will be present in realistic conditions.
Furthermore, by changing the threshold the relative error can be optimized, as implied
from the results obtained with conventional compounding in Figure 8.7, and therefore it is
possible that the used threshold might not provide the best results in various situations.
Therefore, the method for determining the pass-band should be revised in a future study.

8.4.2 Other applications
In this study, we applied the method to measuring blood flow, but the method can also
be applied to other applications. For B-mode imaging the method can also provide im-
provements, as shown in Section 8.3.1, as well as other motion applications. However, the
improvement might be less compared to conventional compounding. For example, in Shear
Wave Imaging (SWI) shear waves are tracked by measuring the axial velocity of tissue.
This motion only lasts a few milliseconds [92], [279]–[281], which is too short to apply
any temporal windowing, because filtering is ineffective with few samples. Therefore,
the performance difference compared to conventional compounding is smaller than when
measuring blood flow. Still, we expect that the application of this adaptive method can
improve the trade-off between array clutter reduction and main-lobe retention, as com-
monly seen with conventional compounding in SWI [92], [279]–[281], due to the use of
sub-volumes and an arbitrary filter profile, thereby improving the accuracy and precision
of the measurements.

8.4.3 Performance metrics
In this study, our aim was to improve the accuracy and precision of velocity estimation.
Therefore, we also directly evaluated the performance on the speed. Whether the settings
leading to smallest error and variance in the velocity estimation are equal for those leading
to highest contrast and resolution in the B-mode image needs further investigation, but
our technique showed a significant improvement of contrast in Figure 8.5 compared to a
single plane wave and conventional compounding.

While we did evaluate the speed, we did not show the accuracy and precision of the
estimated direction. This was omitted for brevity, but further analysis (not shown) showed
that the relative error and STD of the direction had the same trend as in Figure 8.6 and
Figure 8.7. The only exceptionto this was the STD using conventional compounding for
more than 6 directions in Figure 8.7. Instead of decreasing like the STD of the speed, it
went up again as the estimated velocities tended to zero and small errors can then result in
vastly different directions. Therefore, for the adaptive filter a low error and STD for the
speed implied the same for the direction.
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8.4.4 Practical application
For practical application of this adaptive method, the performance in a realistic scenario,
the computational performance and the parameters of the algorithm that should be set are
important. Here we shortly discuss these three.

Performance in realistic situations
In this study, we have used a parabolic flow profile with a peak velocity of 15 cm/s. This
is a relatively low velocity with a low spatial gradient of the velocity. For example in the
carotid, velocities could exceed 1 m/s [49], [247], and larger gradients, due to helical flow
profiles [53] or vortices [282], can be present as well. We think that the adaptive filter
could handle those situations as well, especially after revision of the method to determine
pass-band of the filter, albeit at an expectedly reduced due to the larger range of Doppler
frequencies. However, this should be further investigated.

Computational performance
The determination of the pass-band and application of a separate filter per sub-volume
and temporal window is more computationally expensive than conventional compounding.
However, the necessary operations, like a fast Fourier Transform or thresholding, are
common in regular Doppler and the method does not require iterations. This limits its
expected impact on the computation time.

Parameters
The performance of the adaptive filter is affected by the PRF, the directions and the sizes
of each sub-volume and temporal window. These parameters should be set depending on
the measurement, but they do not necessarily require extra intervention by the user. The
PRF and the maximum range of the directions are set by the measurement area, which
is already commonly set by the sonographer during current clinical examinations. The
number of directions is limited by tissue motion. This could either be estimated during an
examination, or be based on wall filter preselect settings on the ultrasound machine, in
line with the implementation of wall filter settings in current clinical systems. The size
of each sub-volume can be adaptively determined based on the vessel size and expected
velocities, which can be extracted by thresholding, while the temporal window length can
be based on the PRF and expected velocities. The parameters could thus either be chosen
automatically or based on current common methods of user settings, although it should be
verified whether this is robust.

8.4.5 Alternative methods
We proposed an adaptive filter method as alternative to conventional compounding, but
there are also alternatives. First, modifications to conventional compounding exist that
reduce the amount of directions required for a similar image quality [283]–[285]. For
example, with use of an SVD filter Guo et al. [283] allowed for a two-fold reduction in the
number of angles while keeping the same image quality. However, similar to the advanced
beamforming methods, it has not been shown whether these methods work when motion is
involved. Second, conventional compounding could be paired with Motion compensation
(MoCo) as an alternative to this method [122], [123]. By compensating the underlying
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tissue and/or blood motion between the frames used to compound a single image, ideally
the peak PSF signals end up at the same positions in each low-quality image and therefore
conventional compounding will remove array clutter due to its low-pass nature. How
this approach compares to the adaptive method presented in this paper should be further
investigated.

8.5 Conclusion
In this article we developed an adaptive filter to reduce array clutter and yield better
vector flow velocity estimations, compared to the conventional moving-average coherent
compounding. The filter consisted of two steps: a tissue clutter filter applied to the data of
each transmission direction separately, and an adaptive array clutter filter based on the
measured dominant Doppler frequencies applied on subvolumes and temporal windows.
Using the adaptive filter we achieved a relative error and STD of 11.3% and 4.1%, respectively,
at 16 kHz for a parabolic flow with a peak velocity of 15 cm/s and an inclination of 10°.
Conventional compounding requires at least twice the PRF to achieve a similar performance,
and it has been shown that it cannot adapt to spatial and temporal variations in velocities.
Furthermore, the adaptive filter reduces array clutter visible in the B-mode images in the
regions outside the wall in Figure 8.5 by 15.4 dB compared to a single plane wave, while
conventional compounding only reduces this by 5.5 dB. Therefore, this paper shows that
the adaptive filter outperforms conventional compounding, and may aid in measuring
blood flow velocities using sparse arrays.
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This thesis focused on developing ultrasound matrix transducer technology with the
final aim of accurately quantifying blood flow, which requires full flow resolution in both
space and time. Two specific applications were chosen to benefit from this development.
First, perfusion monitoring in the preterm brain would benefit from high-frame-rate
volumetric imaging to more effectively distinguish slow-moving blood from tissue and to
image the whole brain without moving the transducer, since we foresee a wearable probe
that must acquire data autonomously. Second, for screening the carotid artery in adults,
matrix transducers allow for measuring high-velocity blood in all three spatial directions,
which can exceed 125 cm/s [49], [247]. To satisfy the requirements, matrix transducers
are required, but their utilization is hampered by several challenges depending on the
application. In this chapter, we first discuss how we addressed these challenges and how
effectively they are resolved by the work presented in this thesis. Then, we will discuss the
matrix transducers that were specifically developed for these two applications.

9.1 Matrix transducers application challenges
9.1.1 Trade-offs in ASIC-integrated matrix design
The specifications of ultrasound matrix transducers involve a trade-off between resolution,
side-lobe level, frame rate, operational flexibility and signal-to-noise ratio (SNR). Chapter 2
focused on this trade-off, providing a simplified and concise overview of the process to
design a new ultrasound PZT-on-ASIC matrix for monitoring the preterm brain. The
process involved defining the clinical requirements, examining the acoustical effects using
a specialized numerical phantom, and studying the impact of specific electronic components
and ASIC design. This investigation led to identifying a set of matrix parameters that should
satisfy the clinical requirements, are feasible to manufacture, and fit within the space and
power constraints of an ASIC. Although Chapter 2 focused on a specific application, the
approach is applicable to other uses requiring matrix probes. This process allows us to
optimize the trade-offs of an ultrasound transducer for any specific application.

Image quality metrics
In the design of a matrix transducer the final image should be judged and quantified. In
Chapter 2 we did that solely using the signal-to-clutter ratio (SCR), that was defined as
the peak signal amplitude divided by the mean amplitude in a block that contained a single
point scatterer. Other metrics exist that can provide information about the amount of
clutter. One such metric is the maximum side-lobe level [162], [286]. It can be a good metric
to evaluate sparse matrices, because a low peak implies a low overall level as well, but it
does not directly translate to the total clutter level in an image in general since the whole
PSF contributes. Another metric is the contrast-to-noise-ratio (CNR) that is somewhat
similar to the SCR. High SCR, and thus low clutter levels, will also result in a high CNR.
However, as the phantom does not contain cysts, the application of this metric was not
possible. The difference between the expected and simulated/measured arrival times can
also be used as a metric [287]. While this is not a direct metric of clutter, differences
between the expected and actual arrival time can result in extra clutter as the signals are
not correctly beamformed. It would therefore be a good addition to use beside the SCR
as it can determine one of the possible sources of clutter. Finally, the sensitivity or SNR
could have been used. Like the previous metric, it is not direct metric of clutter, but a low
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sensitivity for the signal of interest increases the influence of noise on the results. This
metric would be especially important when using sparsity as fewer elements reduce the
SNR [166], [269], but pitch and the use of μBF can also have an effect on the sensitivity,
because larger (effective) elements have a reduced sensitivity to signals from scatterers
at an angle. Therefore, beside a lower SCR, as shown in Section 2.3.3 and Section 2.3.4, it
would also reduce the sensitivity. We did not use this metric as we did not expect large
variations in sensitivity with the investigated parameters, but this kind of metric should be
included in future studies to verify this. For our application, we think the SCR works best
as a metric of clutter, and that the difference in arrival time and SNR can provide additional
information not caught in the SCR.

The resolution is a generally used metric to evaluate the performance, for example by
the generally used full width at half maximum. We could have evaluated it in conjunction
with the SCR, but we did not use such a metric for two reasons. First, the resolution can
be traded off against the amount of clutter in certain situations. For example, excluding
elements with a low sensitivity can reduce clutter at the cost of resolution. Whether such a
trade-off is beneficial should be further investigated. Second, the SCR metric is affected by
the resolution. A wider PSF will result in a more spread out signal, meaning a lower peak
and higher mean value and thus a lower SCR. The CNR, used in Chapter 5, has a similar
issue where the resolution can influence the results. However, in that chapter we did
explicitly ignore an area around the edges of the cysts to reduce the influence of resolution,
as is visualized in Figure 5.8. We could use something similar for the SCR. For example, we
could exclude everything above −6 dB as compared to the peak from the clutter part or only
use a region at the edges of the block as a measure for the clutter. Such a modification will
reduce the influence of resolution. By taking the above into account, the use of resolution
as a metric besides a metric for clutter can be beneficial to investigate the performance.

Another effect of note about the SCR is that on the spacing of the scatterers. Increasing
the spacing will decrease the amount of clutter and thus improve the SCR, and a minimum
spacing is necessary so that there can be a clear distinction between signal and clutter. This
effect should be further investigated, but it is likely that the SCR is best used to investigate
trends, as done in Chapter 2.

9.1.2 Data reduction methods
To resolve the data transfer bottleneck between the probe and imaging system, a data
reduction method is needed that can reduce data in the probe and then recover a high-quality
image in the imaging system. Two-stage beamforming is such a method. In Chapter 5, we
presented a two-stage approach based on the wave equation specifically for phased arrays.
While a wave equation method has been shown to be more computationally efficient for a
linear array and has the potential for better image quality, it did not exist for the phased
array geometry. Our results showed that we successfully developed this method. However,
instead of a large gain in computation time, the method achieved both good resolution
and low sidelobe levels simultaneously, unlike the time-of-flight alternative. Therefore, we
extended the applicability of two-stage beamforming using the wave equation approach.

An additional note should be made though. Unlike the other chapters, the method
described in Chapter 5 uses line-by-line imaging and is therefore not well suited for
high-frame-rate imaging of a large field-of-view (FOV). With the settings in Chapter 5, a
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frame rate of 31 Hz could be achieved for a 2D slice, which is too low for high-frame-rate
applications and would be even lower when scanning a volume. While this is for a relatively
large FOV and depth range, frame rates in the order of 1 kHz can only be achieved with
very few scan lines, resulting in either a small FOV with high image quality or a larger FOV
with lower quality. Whether this is suitable for monitoring the preterm brain is currently
unknown. However, the data reduction is very simple to implement in a probe [288], [289],
and extension of this method to 3D is possible [290]. Therefore, this method is best suited
for low-cost, portable systems, or probes that are used in size-restricted areas such as
Intravascular Ultrasound.

9.1.3 Sensor-ASIC integration
An ASIC-integrated matrix can be specifically adapted to a specific application and offers the
widest variety of data reduction methods. However, integrating an ASIC with a transducer
is a complex process, and we observed two specific issues with a PZT matrix designed for
imaging the carotid bifurcation. These issues were due to non-idealities in the electronics
causing unwanted electronic-switching artefacts and the integration of the ASIC in the
acoustic stack. In this thesis, we addressed these problems, as discussed below.

Electronic-switching artefacts
In the matrix designed for carotid imaging, switching is performed between the transmit
and receive channels using high-voltage MOSFETs. In an earlier design, these MOSFETs
generated parasitic transmissions, causing visible artefacts in the image. The non-ideality
causing this issue is a known problem, and solutions exist, but they require additional
electronics that demand more footprint on the ASIC, which was not available. An alternative
solution was found by changing the switch controller in the new second-generation ASIC
such that a path to ground was created at critical switching moments. The method presented
in Chapter 3 reduced the switching transients by 20 dB. Combined with the increase
in maximum transmission amplitude by about 6 dB in the new ASIC, the signal strength
difference between the transmitted pulse and the parasitic pulses increased to 46.7 dB, from
20 dB at most in the first design. Therefore, the effect of this artefact has been successfully
and significantly reduced.

Acoustic stack
Building an ultrasound transducer on top of an ASIC has several major challenges since
the ASIC has a high acoustic impedance and very low attenuation. This can cause severe
cross talk between the elements by Lamb-waves travelling in the ASIC. To solve this, we
developed an attenuating interconnection layer to decouple the ASIC from the elements
that can be integrated into our small-pitch manufacturing process. This layer consists
of small channels filled with conducting silver glue and a non-conducting epoxy with
a high attenuation. The thickness of the interposer was chosen to significantly dampen
the waves. This interposer layer has been manufactured using conventional dice-and-fill
methods. Chapter 4 showed that this interposer layer removed cross talk caused by Lamb
waves in ASIC since the peaks in the directivity pattern that indicate this, as described by
Shabanimotlagh et al. [86], were not observed any more. Therefore, this interposer layer
successfully resolved this specific issue.



9.1. Matrix transducers application challenges

9

155

While cross-talk via Lamb waves was resolved with this interposer layer, we still
observed irregularities in the directivity pattern. In Section 4.B, we identified three types
of cross-talk: (i) electrical cross-talk, (ii) non-attenuating acoustic cross-talk, and (iii)
attenuating acoustic cross-talk. However, we did not identify the exact origins of these
types of cross-talk. Here, we delve further into these types. (i) The electrical cross-talk
resulted in an acoustic pulse from all elements simultaneously, shown in the directivity
pattern as a peak at 0° along the 𝑥 and 𝑦 directions, with an amplitude approximately
30 dB lower than the original pulse. This type of cross-talk was not observed in the first-
generation ASIC. This cross-talk appeared after a change made to resolve an issue we
observed in the new ASIC. In the received signal around 7.5 MHz, the center frequency
of this matrix, we observed an oscillation due to interaction between neighboring ASIC
tiles. This was eliminated using a resistor placed in series with the ground foil, but in turn
caused parasitic transmission on the other elements. Therefore, this type of cross-talk is
due to an electrical issue. (ii) The non-attenuating acoustical cross-talk is characterized by
two dips in the directivity pattern around ±40°. Cross-talk a propagation speed between
the elements of 2450 m/s would explain these dips. This velocity falls within the range
of common polymers [291]. In the measurement setup, we use a 25 µm polyester layer
between the transducer and water. Waves travelling through this layer could generate these
dips, as shown by Shabanimotlagh in his thesis [292, Fig 6.11]. Therefore, non-attenuating
acoustic cross-talk is due to the measurement setup. (iii) The attenuating acoustic cross-talk
narrows the directivity pattern and results in extra peaks around ±55°. This effect can be
characterized by a delay between elements corresponding to a speed of 1800 m/s and an
attenuation of 3.5 dB between elements. These values correspond to the epoxy materials
used in the interposer layer, and this cross-talk is thus due to waves travelling in the
interposer. However, this kind of cross-talk can be expected with any kind of backing.
Because the materials of the interposer layer can be modified, unlike the material of the
ASIC, this kind of cross-talk can be resolved by using materials with a higher attenuation in
the interposer. Different materials might also resolve the ringing visible in Figure 4.8, which
we believe is caused by the relatively low attenuation of the material in the conductive
channel. In summary, the introduction of the interposer resolved the cross-talk via the
ASIC but introduced another source of cross-talk. However, this can be resolved by using
materials with higher attenuation.

9.1.4 High-frame-rate data acquisition scheme
The matrix designed for imaging the carotid bifurcation, described in Chapter 4, can read
out the combined signal of a set of elements per row. This channel reduction strategy
significantly reduced the number of required channels in receive, making it feasible to
handle with current technology. However, reading out the data from all columns separately
would result in a too low frame-rate for certain applications. Therefore, we developed a high-
frame-rate imaging scheme for this matrix. This imaging scheme is like an electronically
translatable linear array, and we evaluated its performance for carotid pulse wave imaging
(CPWI) in Chapter 6 and for vector flow imaging in Chapter 7.
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Carotid pulse wave imaging
For CPWI, a volume rate of about 1000 volumes per second is necessary. To achieve
the required rate, the simulations and experiments in Chapter 6 showed that with the
proposed imaging scheme, the lateral resolution is about two times wider and the clutter
level increased by 4 dB compared to an imaging scheme where all columns are read out,
which results in too low a frame rate for the application. Having an imaging scheme that
can achieve the required frame rates could be beneficial to generate 3D maps of carotid
artery stiffness, providing valuable information regarding the cardiovascular risk. However,
a limitation with the approach in this chapter is that the performance is only evaluated on
B-mode images, in this case using the resolution and CNR. High B-mode quality does not
ensure accurate displacement estimation, which is ultimately required to estimate stiffness
in CPWI. Further investigation is necessary to evaluate the performance of the imaging
scheme for CPWI.

Vector flow imaging
In Chapter 7, the same imaging scheme was applied to vector flow imaging in a simulation
setup with velocities similar to those in the carotid artery. Compared to CPWI, this requires
higher frame rates, necessitating a re-evaluation of the imaging scheme’s performance.
The results showed that it is feasible to measure the high velocities in the carotid artery
using an electronically translatable linear array imaging scheme, provided the appropriate
trade-offs are made.

Compared to the previous study for CPWI, the performance was directly evaluated on
the estimated velocities and not on B-mode quality. The results in Chapter 7 indicated that
this is important, as higher resolution, e.g., with more shots or a larger sub-aperture pitch,
does not necessarily result in better estimation performance. This is mainly because better
resolution can also reduce the frame rate or increase the amount of clutter. Furthermore,
it was shown that depending on the velocities present, the optimum parameters of the
imaging scheme change. Therefore, evaluating performance on metrics relevant to the
final applications is important.

The results in Chapter 7 do not contain experimental results and used a relatively
simple phantom. Therefore, there can still be doubts about the feasibility in vivo. However,
we have performed initial experiments and presented the results in a proceeding [293].
These showed that the estimated direction, profile, and velocities were feasible, but due
to the lack of a constant parabolic flow velocity, the accuracy and precision could not be
estimated. While further verification is necessary, the results in Chapter 7, combined with
those in the proceeding, indicate that it is feasible to measure the high velocities in the
carotid artery using an electronically translatable linear array.

9.1.5 Vector flow imaging with a sparse array
Sparse arrays suffer from higher side-lobe levels that can be detrimental to performance in
vector flow imaging. Coherent compounding can reduce the side-lobe level, but this method
attenuates and possibly even removes high-velocity signals, resulting in an underestimation
of the velocities. In Chapter 8, we developed a method that applies an adaptive filter based
on the velocities present, thereby preventing the loss of high velocities. We demonstrated
that the new method achieves a similar error in estimation as coherent compounding with
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a twofold lower pulse repetition frequency, significantly lower variance, and that it can
adapt to both spatial and temporal velocity variations. Therefore, we have shown that the
adaptive filter outperforms conventional compounding and can aid in measuring velocities
using sparse arrays.

9.2 Realized matrix arrays
In this thesis we developed an ASIC-integrated matrix for monitoring the brain of preterm
babies, and we further developed an ASIC-integrated matrix for imaging the carotid bifur-
cation. For both, several prototypes have been realized. In the section we will discuss their
performance, issues and possible improvements.

9.2.1 Matrix transducer for preterm brain imaging
Chapter 2 showed that with current technology, creating a fully-populated ASIC-integrated
matrix for preterm brain monitoring is challenging. The main issue was the need for a
small pitch due to the required high frequency for high resolution and sufficiently large
steering angles, which we could not achieve within this project. Initially, this was due to
expected manufacturing problems with a pitch smaller than 100 µm, but an even larger
pitch was necessary in the second prototype as the electronics required a larger footprint
on the ASIC. To resolve this, further development on the electronics could help achieve
the same functionality within a smaller footprint, or alternatively, further research on the
clinical requirements and design could result in a new design that satisfies the updated
requirements.

Regarding further research on the clinical requirements, ideally, this would require
a matrix to monitor the brain and investigate what is important. As such a matrix does
not exist and creating one is challenging, an alternative is necessary. In parallel with the
design of the thesis, clinical research was also performed. Kortenbout in her thesis [97]
showed that monitoring during surgery using a 1D-array holds significant promise and
is likely an effective diagnostic tool. However, those measurements were still performed
by hand. The next step would be to transition to constant monitoring by integrating a
1D-array in a probe holder. While this would not provide volumetric information, it can be
used to further investigate the effects of medication and surgery, and identify markers that
indicate when an intervention is necessary. This could help refine the clinical requirements.
Therefore, we think that the next intermediate step towards complete monitoring of the
brain is constant monitoring using a 1D-array.

Alternative matrix types
An alternative to modifying the design or further ASIC development could be the use
of one of the other array types, as mentioned in Section 1.3.2. However, they all have
specific issues that hamper their utilization for this specific application, as mentioned in
the introduction. A fully-populated matrix is not an option as the enormous number of
elements, 22 300 in our design, are too many to handle separately, and a much smaller
matrix would not achieve the required resolution. The RCA can only interrogate the volume
directly in front of the probe, which is insufficient for preterm brain imaging. While lenses
can increase the FOV, as shown by Audoin et al. [69], they also worsen the SNR and
bandwidth, and can introduce additional artefacts, especially for a large FOV. Further
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development could possibly resolve these issues, but at this point in time, an RCA with
a lens does not fit the clinical requirements. A sparse matrix for this application would
have very few elements relative to its total aperture. The spiral array used in Chapter 8
occupies about 5 % of a fully-populated circular matrix with a radius of 8.1 mm, which is
the radius where the outermost element of the sparse array is located. This matrix would
cover the fontanel, but that is for a frequency of 5 MHz, and for our application, we aimed
at a higher frequency. This would require smaller elements compared to a fully-populated
matrix, resulting in even more side-lobes and an even lower SNR. We especially think that
the SNR would be an issue. While the attenuation is relatively low in the preterm brain,
the expected SNR reduction of almost 50 dB is enormous, based on a 9 dB lower SNR for
every halving in the number of elements compared to a fully-populated matrix [166], [269]
and the reduction in area expected when using a centre frequency of 11 MHz. An increase
in the number of elements would help, but that might present problems for the wiring.
There are however two main advantages compared to the ASIC-integrated matrix that we
designed. First, a sparse matrix can achieve an 8 times higher frame rate due to the lack of
TDM, and therefore could at least partially compensate for the high side-lobe level and low
SNR with coherent compounding. A full recovery for the SNR is not possible because the
SNR increases with the square root of the ensemble length [7], and thus the SNR would
increase by only 9 dB using coherent compounding. Second, while a sparse array would
still require electronics in-probe so that it can be used wirelessly, the electronics can be
placed away from the acoustic stack, unlike the ASIC-integrated matrix. This prevents
negative effects on the acoustical performance and allows for the electronics to be made
with less stringent space constraints. In summary, a different kind of matrix also likely
would not satisfy the requirements.

Hybrid matrix
A combination of the concepts of a sparse and ASIC-integrated matrix could also be an
interesting alternative. In Chapter 2, it was concluded that not all required electronic
functionality fit into the available area dictated by the requirements. Using fewer elements
placed further apart results in more available space for the electronics and could therefore
resolve this issue. Compared to a sparse array, this hybrid would likely allow for more
elements, because other channel reduction methods can also be used, consequently resulting
in a lower side-lobe level and higher SNR. Therefore, the use of sparsity could be a good
extra channel reduction option for ASICs

To evaluate whether sparsity would be beneficial for the preterm brain monitoring
application, we will discuss the advantages and disadvantages of replacing TDM or μBF ,
which are currently used in the specifications determined inChapter 2, with fewer elements
to reduce channel count. Replacing TDM would allow for higher frame rates, enabling
the measurement of higher velocities and a possible focus on larger blood vessels. This
increase in frame rate could also potentially compensate for the increased side-lobe level
and lower SNR by employing coherent compounding. To estimate whether it is feasible
to compensate for the higher side-lobe level, we can use the results obtained in other
papers. Montaldo et al. [7] observed that a 10 dB increase in contrast can be gained by
using an ensemble length of 8, while Diarra et al. [286] showed that an 8-fold reduction
in the number of elements at most resulted in a 10 dB increase in side-lobe beam power.
While they use different metrics, they are similar because high contrast also implies low
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side-lobe beam power. Therefore, it seems feasible that the higher side-lobe level due
to sparsity can be compensated for by coherent compounding. It is even more likely
if the method developed in Chapter 8 is considered, as it was shown that this method
outperforms coherent compounding. Compounding can also partially compensate for the
loss in SNR, but not completely as discussed in the previous section. The 8-fold reduction
in elements and 8-times compounding would result in a net loss of 18 dB in SNR, which is
about 20 dB lower than the loss in SNR for the sparse matrix considered in the previous
section. Therefore, replacing TDM with sparsity appears to be a valuable option for this
application. Replacing μBF would result in effectively smaller receive elements. This allows
for larger steering angles in receive without a significant increase in side-lobe level, thereby
increasing FOV and requiring fewer images to image a large volume. However, the sparsity
would increase the side-lobe level again, also in regions that could be imaged without
large steering angles and thus did not suffer from the effectively larger elements with μBF .
It thus seems likely that at least part of the image quality will suffer from sparsity, and
compared to replacing TDM with sparsity, this seems like a much less beneficial option.
The SNR would also be lower, but because it is only a 4-fold reduction if μBF is replaced,
this amounts to only 18 dB, which is equal to the loss if TDM is replaced. Comparing the
two options, we think that replacing TDM with sparsity is the best, as it results in similar
image quality with the advantage of more room for the electronics. Therefore, the use of
sparsity is likely a good extra channel reduction option for this application.

Current state
Monitoring brain perfusion using an ultrasound matrix array is challenging because it
requires a relatively high frequency to image small vessels, and ideally, the matrix should
operate wirelessly to integrate with other monitoring modalities. An ASIC-integrated
matrix or a hybrid matrix that combines sparsity with an ASIC are currently the best
options, but further research and development are required to create specifications that fit
the clinical requirements. In parallel with further developing the matrix, research into the
clinical requirements using a 1D-array for monitoring can be performed. While constantly
monitoring perfusion in the whole brain is not yet possible, the research presented provides
possible next steps towards this goal.

9.2.2 Matrix transducer for Carotid imaging
Chapter 4 describes the design choices, manufacturing process, and acoustic charac-
terization of an 8 × 1 tiled sample of a second generation ASIC for imaging the carotid
bifurcation, together with an initial imaging experiment. In Chapters 6 and 7, we applied
this matrix to carotid pulse wave imaging and blood flow imaging, respectively, using a
specifically designed imaging scheme that corresponds to an electronically translatable
linear array. Focusing on blood flow, the results in Chapter 7 indicated that it should be
feasible to image the high velocities around the carotid bifurcation, although measuring
high spatial velocity gradients might be hampered by the low lateral resolution of the
imaging scheme. Initial experiments also pointed towards feasibility [293]. Therefore, we
think that measuring the haemodynamics around the carotid bifurcation is possible using
this matrix.
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Possible improvements to the ASIC
The presented second-generation ASIC contains various improvements over the first gen-
eration, which was showcased by Kang et al. [71]. Manufacturing has been made easier by
increasing the ASIC size, thereby only requiring tiling in a single direction, and the larger
pitch in the new version allows for higher transmit voltages and more pre-programmed
patterns. Additionally, it resolves a switching artefact, as discussed in Chapter 3. However,
this new generation ASIC does not contain on-chip pulsers, unlike newer ASICs designed
for different applications [133], [140]. If this can be included in a third-generation ASIC,
either per row or per element, it would free up 120 channels that can be used for other
purposes. We propose two possible modifications that make use of the 120 extra chan-
nels. The first modification would be to change the element pitch from 300 µm × 150 µm
to 150 µm × 300 µm, and increase the number of rows from 120 to 240. Doing this would
not require changes to the pitch-matched electronics, except for some re-routing of cur-
rent electric connections in the circuit design. From the results in Chapters 6 and 7,
the extra large elements in the column direction would hardly make a difference. With
the high-frame-rate imaging scheme, the elements are already larger, and increasing or
decreasing the sub-aperture width by 150 µm does not significantly affect the performance.
The smaller row-wise elements could be helpful with steering in transmit and receive in
that direction, thereby reducing clutter and increasing resolution. However, solely consid-
ering the electronically translatable linear array imaging scheme, there does not seem to
be any need for smaller elements in that direction, as the performance is mainly limited
column-wise. The second possible modification is to keep the elements the same but split
the array into two sides, with each side containing 120 receive channels. This allows for
an increase in sub-apertures and/or a decrease in their individual width, thereby allowing
higher image quality due to better contrast and lateral resolution. This, in turn, would lead
to better estimation of the velocities, as shown in Chapter 7. With this modification, the
performance achieved at 75 cm/s without the modification can then be achieved at 150
cm/s, which would improve the relative error by 3 % and the STD by 1 %, as derived from
Figure 7.4a. The only downside to this modification is that the best performance is only
achieved if the imaging volume is centred around the split, causing the performance to be
affected by the placement of the probe. However, this might be resolved if the position of
the left and right side could be made programmable in the ASIC. Therefore, we deem the
second modification the most beneficial for a third generation ASIC.

Alternative matrix types
Unlike for preterm brain monitoring, other matrix types are also an option for this applica-
tion. For the sparse array, blood volume [294] and Spectral Doppler [295] measurements
have already been performed on the carotid in-vivo and the results were promising. Vector
flow imaging has also been performed using a sparse matrix and it showed performance
comparable to the performance obtained by using a linear array for 2-D velocity mea-
surements [254]. However, as this has only been performed in-vitro, further research is
required. The adaptive filter method in Chapter 8 should prove useful in reducing the
negative effects of the sparse array when imaging blood. Therefore, we think that blood
flow measurements in the carotid artery are also feasible with a sparse matrix. Jørgensen et
al. [256] showed that an RCA can accurately measure vector velocities in a phantom with
a realistic geometry and velocities. Therefore, using an RCA is feasible as well. Finally,
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using a fully-populated matrix, in-vivo measurements on the carotid have been performed
by Correia et al. [296], thereby showing that it is possible with this kind as well.

9.3 Conclusion
In this thesis, we have advanced the towards the use of ultrasound as a diagnostic tool for
quantifying blood flow by developing ultrasound matrix transducer technology, focusing
on two applications: perfusion monitoring in the preterm brain and atherosclerosis screen-
ing. For preterm brain monitoring, we identified and addressed technological challenges,
proposing several directions for further research to enhance ultrasound’s capability in mon-
itoring preterm brain perfusion. For atherosclerosis screening, particularly in measuring
flow in the carotid bifurcation, we concentrated on an ASIC-integrated matrix approach
by developing a high-frame-rate imaging scheme and resolving integration issues. As
an alternative to the ASIC-integrated matrix, we also contributed to the advancement of
sparse matrices by devising a method to reduce side-lobes especially when measuring
velocities. While the focus was on these two applications, the advancements made can
also be utilized in other areas. Although ultrasound is not yet capable of quantifying blood
flow in all scenarios, it has demonstrated significant potential as a valuable diagnostic tool
in these areas.
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