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Chapter 1 

 

1.1 Synopsis 

 

There are two primary reasons for developing tools which non-invasively manipulate brain tissue: probing 

of neurologic processes and treatment of brain related disorders. Currently, several tools are available to 

neuroscientists for probing neurological processes. Microstimulation, optogenetics, and injection of 

pharmacologic agents provide neural manipulation with high spatial precision. While unmatched in 

precision, each of these requires either brain surgery or genetic manipulation and are limited in application 

by their invasiveness (Terranova et al. 2019). Non-invasive brain stimulation techniques are being 

developed with the aim of probing neurological processes without invasive procedures. Transcranial 

electric stimulation (TES) delivers weak currents into the brain through electrodes coupled to the scalp. 

This is non-invasive and directly modulates neural activity through electro-chemical coupling but has low 

spatial precision and penetration depth (Faria, Hallett, and Miranda 2011). Transcranial magnetic 

stimulation (TMS) uses magnetic coils to produce electric currents inside the brain via electromagnetic 

induction (Walsh and Cowey 2000). TMS improves upon the spatial precision of TES and can target 

volumes on the order of several cm3, but this is limited to cortical targets and is still greater than functional 

brain target sizes. The limitations of the available tools highlight a need for a non-invasive brain stimulation 

techniques with high spatial precision. 

 

The second motivating factor behind developing brain therapy tools is for the treatment of brain related 

disorders. Depression, chronic pain, and addiction may affect a combined 40% of the adult population in 

the United States (Volkow, Benveniste, and McLellan 2018; Brody, Pratt, and Hughes 2018). Although 

staggering in number, treatment options for these diseases are largely limited to oral drugs which have 

limited efficacy and risks of addiction and toxicity. The effectiveness of available treatments is limited in 
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part by difficulty accessing brain regions without prohibitively invasive surgical procedures as well as the 

blood-brain barrier which restricts drug delivery into the brain for all but a small subset of candidate drugs. 

Brain surgery is used routinely for glioblastoma, Parkinson's disease, and other disorders with life-

threatening or severely debilitating symptoms because the trade-off between procedural risk and 

invasiveness is outweighed by the gain of patient outcome. However, with depression, addiction, and a 

subset of chronic pain patients, the debilitation is not sufficient to warrant brain surgery. Systemically 

administered drugs are an obvious alternative, but only small molecule lipophilic drugs can reach brain 

tissue at relevant doses due to the blood-brain barrier (Pardridge 2005). Advanced drugs which leverage 

molecular transport phenomena or nanoparticle vehicles to cross the blood-brain barrier are being explored 

but have yet to reach clinical adoption. Non-invasive tools which can safely manipulate brain tissue either 

by directly modulating neurons or by increasing drug delivery to the brain with high spatial precision will 

be key to improving patient outcomes in these disorders. Therapeutic ultrasound provides both capabilities.  

 

The overall goal of the work described in this dissertation is to improve the capabilities of therapeutic 

ultrasound in the brain with specific focus on neuromodulation and drug-delivery applications. Low 

intensity ultrasound has modulatory effects on neurons and neural circuits. Moreover, ultrasound can be 

focused to spot sizes smaller than 1 cm3 through the skull, a dramatic improvement on TES and TMS spatial 

capabilities. As the neuroscience surrounding depression, chronic pain, and addiction is better understood 

and the link between ultrasound and neuromodulation is strengthened by mechanistic insight, therapeutic 

ultrasound may emerge as a low cost, low intervention threshold (i.e. level of debilitation required to 

warrant a procedure) option to accompany or replace existing pharmacological treatments. Chapter 3 of this 

dissertation, Ultrasound neuromodulation depends on pulse repetition frequency and can modulate 

inhibitory effects of tetrodotoxin, focuses on the mechanisms of ultrasound neuromodulation and the 

relationship between parameters and outcomes. We developed a mouse brain slice model with neurons 

fluorescently labeled by calcium indicators and subjected it to ultrasound while monitoring with a 

fluorescent confocal microscope. This model provided a means for investigating the effectiveness of 
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different ultrasound parameters as well as the effect of introducing several concentrations of tetrodotoxin, 

a Na2+ channel blocker. This work was published in Scientific Reports. 

 

Low intensity pulsed ultrasound in combination with circulating microbubbles can temporarily increase the 

permeability of the BBB. This expands the size and chemical makeup of drug options which can reach the 

brain parenchyma at relevant doses. This approach has been most broadly adopted in conjunction with 

tumor resection procedures for glioblastoma (Carpentier et al. 2016). In these clinical trials, ultrasound is 

used repeatedly to open the blood-brain barrier following tumor resection to increase the concentration of 

an agent (typically chemotherapeutic) around the tumor resection margin. However, a fundamental 

limitation of this approach is that the procedure must be repeated for each drug administration, which is 

made even more burdensome by the need for magnetic resonance imaging (MRI) guidance and evaluation 

in most cases. For this reason, researchers are exploring ways to either perform the procedures without MRI 

guidance or in a manner which has a permanent effect. 

 

One way to leverage ultrasound BBB opening in a permanent manor is to deliver gene-therapy agents 

through the permeabilized zone. With gene-therapy, the affected neurons are permanently modified to 

transcribe artificially encoded proteins. The encoded proteomic shift can result in a permanent effect on the 

neurons or an effect which can be switched on an off by an orally administered compound (Szablowski et 

al. 2018). The work in chapters 4 and 5 enables this approach by designing and validating a transducer for 

BBB opening for gene therapy in non-human primates. A key feature of these efforts is to limit the size of 

BBB opening to improve the spatial specificity of the gene therapy. In Chapter 4, Design of a 1-MHz 

therapeutic ultrasound array for small volume blood-brain barrier opening at cortical targets in macaques, 

we design an array transducer for this purpose. The design leverages transcranial simulations to guide 

transducer feature selection. Our simulations revealed unexpected benefits with inward steering for 

transcranial focusing to cortical targets. This work also describes the calibration of the array and its 

integration into an MRI guided and optically tracked workflow. The design process developed in this work 
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takes advantages of recent advancements in GPU capabilities and advanced acoustic simulation techniques 

to fully incorporate information from transcranial simulations in four subjects and a large set of transducer 

models. This work is under review IEEE Transactions on Ultrasonics, Ferroelectrics, and Frequency 

Control.  

 

In chapter 5, Small volume blood-brain barrier opening in macaques with a 1 MHz phased array, we test 

the array and guidance system in in vivo procedures in non-human primates. We use MRI to evaluate the 

BBB opening performance and provide safety measurements. We also develop and test a cavitation 

monitoring system for real-time pressure feedback in phantoms and evaluate its performance in vivo. This 

effort takes full advantage of the excellent staff and facilities at the Vanderbilt University Institute of 

Imaging Science (VUIIS) to develop and evaluate a state-of-the-art BBB opening system. This system will 

be deployed in the future for gene therapy in non-human primates.  

 

These efforts constitute a push on multiple fronts to improve the capabilities of therapeutic ultrasound in 

the brain. We focus specifically on low intensity therapeutic ultrasound for neuromodulation and gene-

therapy which have potential for treating depression, chronic pain, and addiction with minimally invasive, 

non-destructive procedures. In these efforts, we strengthened the link between mechanism and outcome for 

ultrasound neuromodulation. We also designed and validated a system for small volume blood-brain barrier 

opening which enables precise, non-invasive, transcranial gene-therapy in non-human primates. This 

transducer could also be used for precise neuromodulation. 
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Chapter 2 

 

Overview of Focused Ultrasound 

  

2.1 Physical Basics 

2.1.1 Propagation through tissue  

2.1.1.1 Basics of ultrasound waves 

 

Sound above the audible range of humans (20 kHz) is referred to as ultrasound. Ultrasound exists as a 

pressure wave traveling through a medium, typically generated by applying a time varying voltage across 

a piezoelectric crystal. Particles in the medium are subject to oscillating displacement along the direction 

of the wave's travel. The dynamic and balanced interplay of displacement and pressure give rises to the 

wave nature of sound. This interplay can be described as a series of coupled, first-order differential 

equations governing momentum conservation, mass conservation, and a pressure-density relation:  

 

𝜕𝒖

𝜕𝑡
= −

1

𝜌0
𝛻𝑝 (2.1) 

𝜕𝜌

𝜕𝑡
= −𝜌0𝛻 ∙ 𝒖 (2.2) 

 𝑝 = 𝑐0
2𝜌 (2.3) 

 

where u is the acoustic particle velocity, 𝑝 is scalar pressure deviation from ambient pressure, 𝑐0 is the 

speed of sound, 𝑡 is time, 𝜌 is the density, and 𝜌0 is the equilibrium density (Pierce and Beyer 1990). These 

can also be combined into the classic second order wave equation: 

 

𝛻2𝑝 −  
1

𝑐0
2

𝜕2𝑝

𝜕𝑡2
 =  0 (2.4) 
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This equation shares form with that governing electromagnetic waves, and indeed properties of light like 

reflection, scattering, refraction, and aberration are also shared by sound waves. In one spatial dimension 

the equation reduces to: 

 

 
𝜕2𝑝

𝜕𝑥2
−  

1

𝑐0
2

𝜕2𝑝

𝜕𝑡2
 =  0 (2.5) 

 

By leveraging these phenomena, we can understand and control ultrasound's interaction with tissue. 

 

2.1.1.2 Sound transmission at an interface 

 

In fluids, ultrasound propagates as a longitudinal wave producing sinusoidal displacement oscillations in 

the wave propagation direction which in turn yield pressure oscillations. A solution to equation 2.5 

describes the pressure oscillations:  

 

𝑝(𝑥, 𝑡) = 𝐴 cos(𝑘𝑥 − 𝜔𝑡) (2.6) 

 

where 𝐴 is the pressure amplitude, 𝑥 is distance, 𝑘 is the wave number (𝑘 =  
2𝜋

𝜆
) where λ is the wavelength), 

and 𝜔 is the angular frequency (𝜔 = 2𝜋𝑓 where 𝑓 in the frequency in Hz) (Szabo 2004). Positive pressure 

changes are compressional while negative changes are rarefactional.  

 

All materials have an acoustic impedance (𝑍) given by:  

 

𝑍 =  𝜌𝑐 =
𝑝

𝑢
 =  √𝐵𝜌 (2.7)   
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Where 𝑍 has units of Rayl (1 Rayl = 1 
𝑘𝑔

𝑚2∙𝑠
), and 𝐵 is the bulk modulus. Acoustic impedance governs the 

behaviors of sound at the boundary of two materials specifically through reflection, transmission, and 

refraction. The relative proportion of energy reflected at the boundary of two materials with impedances 𝑍1 

and 𝑍2 is given by the reflection coefficient (𝑅): 

 

𝑅 =  
𝑍2 −  𝑍1

𝑍2 +  𝑍1
 (2.8) 

 

This is illustrated in figure 2.1 which shows the relationship between the incident wave amplitude and the 

amplitudes of the transmitted and reflected waves. 

 

The reflection coefficient can be extended for non-normal incidence cases arriving with an angle, 𝜃𝑖, 

relative to the surface normal: 

 

𝑅 =  
𝑍2 cos𝜃𝑖 − 𝑍1𝑐𝑜𝑠𝜃𝑡

𝑍2 cos𝜃𝑖 + 𝑍1𝑐𝑜𝑠𝜃𝑡
 (2.9) 

 

Fig. 2.1 Illustration of normal incidence reflection. A0: amplitude of incident wave. R: reflection 

coefficient (eq. 2.8).  
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Where 𝜃𝑖 and 𝜃𝑡 represent the incident and transmitted angle respectively. Transmitted angle can be 

computed given incident angle according to Snell's law given the speed of sound of the two materials, 𝑐1 

and 𝑐2: 

 

sin 𝜃𝑖

𝑐1
=  

sin 𝜃𝑡

𝑐2
 (2.10) 

 

 

This is illustrated in figure 2.2. The change in wave propagation angle at material boundaries is known as 

refraction. The critical angle is the incidence angle beyond which no sound is transmitted. At interfaces and 

in absorbing media, a portion of the longitudinal wave is converted into a shear wave. Shear waves are 

transverse waves which propagate orthogonally to the incident wave. At incidence angles beyond the 

critical angle, the amount of mode conversion into shear waves increases (White, Clement, and Hynynen 

2006).  

 

Scattering is a special case of reflection typically reserved to describe small zones of impedance differences 

within a medium as opposed to large boundaries. Biological tissues typically exhibit scattering due to the 

heterogenous compositions down to subwavelength ultrasound scales (Jensen 1991). Scattering is key to 

enabling ultrasound imaging because it provides the necessary reflection points in tissue to form an image. 

Fig. 2.2 Illustration of non-normal incident reflection. A0: amplitude of incident wave. R: reflection 

coefficient. θi: incidence angle, θt: transmission angle. (eq. 2.9 and eq. 2.10).  
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Scattering results in attenuation proportional to the length of tissue traveled through and the scattering 

characteristics of the tissue.  

 

2.1.1.3 Absorption based effects 

 

Acoustic waves propagating through media are subject to attenuation which reduces pressure, 𝑝, with 

distance 𝑥 according to: 

 

𝑝(𝑥) =  𝑝0𝑒−𝛼𝑥 (2.11) 

 

Where the absorption factor 𝛼 is proportional to frequency and has additional coefficients, 𝑎, 𝑏, which relate 

to the sound frequency, 𝑓, such that:  

 

𝛼 = 𝑎 𝑓𝑏 (2.12) 

 

The tissue-specific attenuation coefficient 𝑎 typically ranges from 0.1 to 0.7 dB cm-1 MHz-1 for soft tissue. 

The power law parameter, 𝑏, is close to 1 for most biological tissues (Duck 2013). Scattering and absorption 

can be lumped into this term for therapeutic modeling purposes where total attenuation is of primary 

concern (Pinton et al. 2012). Absorption in this case is the process of conversion of vibrational energy into 

heat. With classical absorption, frictional forces acting on particle motion can cause the density cycle of 

tissue to dephase with the propagating ultrasound which results in viscous heating (P. N. T. Wells 1975). 

 

2.1.2 Acoustic mechanisms for tissue interactions 

2.1.2.1 Heating 
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Heating from ultrasound due to absorption can be mapped directly to heating through Pennes' bioheat 

equations which in addition to diffusive heating also account for cooling from blood flow and heat 

deposition from metabolic flux (Pennes 1945). If the pressure field 𝑝 is known, the volumetric rate of heat 

deposition �̇� from ultrasound is: (Nyborg 1981) 

 

�̇� =  
𝛼𝑝2

𝜌𝑐
 (2.13) 

 

Here the dot accent denotes the time derivative. An example showing predicted thermal rise due to a 

pressure field from a transcranial ultrasound neuromodulation procedure is shown in figure 2.3. Predicting 

heat deposition and diffusion from ultrasound absorption is useful for hyperthermia procedures as well as 

procedures like neuromodulation seeking to minimize heating. 

 

High intensity ultrasound deposits sufficient heat for tissue ablation, particularly when the energy 

deposition rate exceeds the cooling rate from diffusion and circulating blood (F. Wu et al. 2003). 

Furthermore, by focusing the ultrasound beam, ultrasound can ablate deep tissue without ablating tissue 

along the path from the transducer to lesion. With phased arrays, the focal pattern can be optimized to 

distribute this ablation to a range of volumes and geometries (E.S. Ebbini and Cain 1989). A major 

challenge with thermal applications of ultrasound is delivering heat exclusively to the region of interest 

(Payne et al. 2011). Because different tissues are more absorbing than others, highly absorbing tissue 

adjacent to the therapy target such as bone in transcranial therapies are often subject to heating by proxy. 

The skin boundary is also a common site of excess heating. Tissue heating can be monitored with MRI 

using MR-thermometry, discussed in more detail in section 2.3.2. 
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2.1.2.2 Cavitation 

 

When the peak negative pressure (PNP) of the rarefactional portion of an ultrasound wave is sufficiently 

low, cavitation can occur. In these cases, dissolved gasses in the tissue coalesce into microbubbles which 

then undergo cavitation. The mechanical index (𝑀𝐼) was derived to predict the likelihood of cavitation 

events (Holland and Apfel 1990):  

𝑀𝐼 =  
𝑃𝑁𝑃

√𝑓
 (2.14) 

 

Fig 2.3. Modeling heat deposition and diffusion in therapeutic ultrasound scenarios. A) Pressure field predicted by 

k-Wave for a 650 kHz transducer through a macaque skull. B) Heating from ultrasound predicted from eq. 2.13 

with 16 seconds of pulsed ultrasound at 550 kPa. C) Heating from ultrasound after 600 s of pulsed ultrasound at 

550 kPa. D) Plots of heating versus time for the skull average, acoustic focus average, and skull maximum. D) Plots 

of heating versus time for the focus average, skull average, max in skull, and max in focus. 
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Here 𝑃𝑁𝑃 denotes peak negative pressure (rarefactional pressure) in MPa and 𝑓 is the frequency in MHz. 

These cavitation events are inherently unstable and typically result in collapse of gas vesicles which result 

in extreme localized forces (W. W. Roberts et al. 2006). The net effect of cavitation in biological tissue is 

localized stress and pressures that can mechanically fragment and subdivide tissue, resulting in cellular 

destruction.  

 

An alternative approach to utilizing cavitation is to introduce exogenous microbubbles to the tissue prior to 

sonication (Tran et al. 2003). Microbubbles of diameters 2-5 um are administered intravenously and 

circulate freely through the vasculature with a half-life of approximately 2 minutes. Microbubbles undergo 

volumetric oscillations (also referred to as cavitation) in the presence of ultrasound. The volumetric 

oscillation of a microbubble in an incompressible fluid can be modeled by the Rayleigh-Plesset equation 

(also the RPNNP model after Rayleigh, Plesset, Noltingk, Nepiras, and Poritsky). Forces acting on the 

bubble surface on the gas side of the bubble are equated to forces acting on the liquid side using Newton's 

Third Law to give the instantaneous bubble radius of a spherically symmetric bubble with radius 𝑅 as a 

function of time: (Leighton 2012) 

 

𝑅�̈� +
3

2
𝑅2̇ =

1

𝜌𝐿
[𝑃𝐺0 (

𝑅0

𝑅
)

3𝑘

+ 𝑃𝑉 −
2𝜎

𝑅
− 4𝜂𝐿

�̇�

𝑅
− 𝑃0 − 𝑃𝑎𝑐(𝑡)] (2.15) 

 

𝜌𝐿 is the equilibrium density of the surrounding liquid,  𝑃𝐺0 =  𝑃0 − 𝑃𝑉 + 2𝜎/𝑅0 is the equilibrium 

pressure inside the bubble; 𝑅0 is the bubble radius at rest; 𝑘 is the polytropic exponent of the gas; 𝑃𝑉 is the 

vapor pressure inside the bubble; 𝜎 is the surface tension for the liquid-gas interface; 𝜂𝐿 is the dynamic 

viscosity of the liquid; 𝑃0 is the hydrostatic pressure in the liquid; and 𝑃𝑎𝑐(𝑡) is the driving acoustic pressure. 

Several modifications to this model have been proposed to incorporate fluid compressibility, shell viscosity, 
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and surrounding tissue (Qin and Ferrara 2010; Doinikov and Bouakaz 2011). These additional factors are 

important to capture the behavior of microbubbles during cavitation at higher pressure regimes. 

 

The pressure range at which microbubbles begin cavitation is linked to mechanical index (eq. 2.14). 

Cavitation thresholds of microbubbles have been extensively studied for a range of ultrasound frequencies 

and microbubble sizes (Holland and Apfel 1990). Lower frequencies have lower cavitation thresholds. At 

higher pressures, bubbles begin to collapse in a process known as inertial cavitation. The term "inertial 

cavitation" is descriptive of the process because the bubbles are collapsing under their own inertia. The 

shell of the bubble rapidly contracts through a compression phase, and the momentum of the shell is such 

that during what should become the rarefactional phase, the bubble is unable to expand and instead 

collapses, often into smaller bubbles (Ohl, Klaseboer, and Khoo 2015). Microbubble facilitated cavitation 

enables ultrasound blood brain barrier opening, where forces from microbubble volumetric oscillations 

exerted on surrounding vasculature temporarily increase permeability in tight endothelial junctions. This is 

discussed in detail in section 2.2.3. 

 

2.1.2.3 Radiation force 

 

As tissue absorbs energy from an incident traveling pressure wave, a portion of the wave's momentum is 

absorbed and imparted into the tissue resulting in a displacement along the direction of propagation. The 

time-averaged acoustic radiation force (𝐴𝑅𝐹) imparted on absorbing tissue by a plane harmonic wave can 

be approximated as: 

 

𝐴𝑅𝐹 ≅  
2𝛼𝐼𝑆𝑃𝑃𝐴

𝑐
 (2.16) 
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where 𝐼𝑆𝑃𝑃𝐴 is the spatial peak pulse average intensity, and 𝑐 is the speed of sound in the supporting medium 

(Sarvazyan, Rudenko, and Nyborg 2010). This equation neglects directivity which is present in focused 

ultrasound especially with low f-number, spherical transducers. A treatment for radiation force which 

accounts for directivity has been described (Szabo 2022). Acoustic radiation force impulse (ARFI) imaging 

uses this force to induce displacements and generate images of relative differences in tissue stiffness  

(Nightingale 2011). The magnitude of soft-tissue displacement is on the order of microns (<20 µm) for 

pushing pulses used in ARFI (Selzo and Gallippi 2013). Displacement from ARF generates a shear wave 

traveling in the plane orthogonal to the beam propagation. The speed of the shear wave can be sampled to 

generate an image proportional to the tissue's Young's modulus in what is known as shear wave 

elastography imaging (Sigrist et al. 2017). Tissue stiffness is linked to several indications such as liver 

health and tumor status making it a useful value to measure noninvasively. Displacement from acoustic 

radiation force can also be sampled by magnetic resonance imaging (MRI) for acoustic radiation force 

imaging (MR-ARFI). MR-ARFI is can be used for focus localization in cases where heating is not an option 

(Nathan McDannold and Maier 2008), and is discussed in greater detail in section 2.3.2 and used in chapter 

5 of this work. 

 

 

2.1.3 Focusing sound  

2.1.3.1 Focusing sound 

 

Target regions for therapeutic ultrasound often lie well beneath the skin. In these cases, it is desirable to 

achieve adequate acoustic power at the target without effecting tissue along the sound path (i.e., nearfield). 

For this reason, therapeutic ultrasound is typically also focused ultrasound (FUS) where focusing provides 

a means to remotely concentrate acoustic energy. Factors used to gauge the focusing quality of a transducer 

include the intensity gain at the geometric focus, the spot size of the focus, and the steering capabilities (in 

the case of arrays). Each of these can be evaluated in homogenous medium conditions exhibiting linear 
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propagation based on Huygens' principal of infinitesimal spherical radiators. The complex acoustic pressure 

at a point, 𝑝(𝑟), due to a radiating surface, S, is given by the Rayleigh-Sommerfeld integral: (E.S. Ebbini 

and Cain 1989) 

 

𝑝(𝑟) =  
𝑗𝜌𝑐𝑘

2𝜋
∫ 𝑢(𝑟′)

𝑒−(𝛼+𝑗𝑘)|𝑟−𝑟′|

|𝑟 − 𝑟′|

𝑠

 

𝑑𝑆 (2.17) 

 

Here  𝑘, 𝛼, 𝜌, 𝑐, and 𝑢 as previously introduced in eq. 2.2, 2.3, 2.6, and 2.12 are, wavenumber, attenuation 

coefficient, density, speed of sound, and particle velocity. r and r' are the observation and source points, 

respectively, and S is the radiating surface.  

 

This integral can be used to evaluate the intensity gain for a given transducer at its focus. At the geometric 

focus of a spherically curved surface with uniform particle velocity in a non-attenuating (𝛼 = 0) medium, 

the pressure is given by: (VanBaren et al. 1995) 

 

𝑝(𝑅) =  
𝜌𝑐𝑢𝐴

𝜆𝑅
 (2.18) 

 

Here A is the area of the active surface, S, of the transducer, 𝑅 =  |𝑟 − 𝑟′| and 𝜆 was substituted for 
2𝜋

𝑘
. This 

is useful because by describing the intensity, 𝐼(𝑅), as: 

 

𝐼(𝑅) =
𝑝(𝑅)2

𝜌𝑐
 (2.19) 

 

And the intensity at the surface as: 
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𝐼(0) =  𝜌𝑐𝑢2𝑚 (2.20) 

 

The intensity gain relative to the array's surface is given by: 

 

𝐼(𝑅)

𝐼(0)
= [

𝐴

𝜆𝑅
]

2

 (2.21) 

 

Practical manufacturing constraints with arrays limit the coverage (proportion of A which can be active 

surface). Eq. 2.21 provides an important benchmark to compare the intensity gain of a proposed array to 

that achievable by an ideal spherical array with the same radius of curvature and aperture (VanBaren et al. 

1995).  

 

Equation 2.17 also provides a means to evaluate the spot size of the focus for a transducer for both steered 

and non-steered foci. Equation 2.17 can directly solve for three-dimensional pressure fields by integrating 

the pressure contribution from all points on the emitting surface for each point in space. The pressure fields 

produced by therapeutic transducer foci are commonly evaluated by the full-width-at-half maximum 

(FWHM) pressure and intensity spot sizes as well as non-focal maxima.  

 

Equation 2.17 can also provide the phases needed to electronically steer an array by solving for 𝑢(𝑟′), the 

complex particle velocity at each element (E.S. Ebbini and Cain 1989). Not only does this approach 

compute optimal phase and amplitude values for the electronic beam-steering, it also generalizes to produce 

arbitrarily shaped foci and null-pressure areas. This method is used for all beam steering in this dissertation. 

However, it is worth noting that for steering to a single point, driving phases can be directly computed by 

converting the distances between each element and the desired target into wavelengths and then phase such 

that: 
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𝜑𝑛 = 2𝜋 𝑚𝑜𝑑 (
𝑧𝑛

𝜆
, 𝜆) (2.22) 

 

Here 𝜑𝑛 is the phase for the nth element, 𝑧𝑛 is the distance between the desired focus and the nth element, 

and mod() represents the modulus operator.  

 

In section 2.1.3.2, we introduce a variety of therapeutic transducers which have been developed along with 

their unique focusing properties. In chapter 4, we discuss design aspects of spherical phased arrays in detail 

and present the design and validation of an array for small volume blood-brain barrier opening in non-

human primates. 

 

2.1.3.2 Transducer options 

 

The most basic transducer is a flat piston transducer where the entire active surface is a single electrically 

coupled piezoelectric element. Historically, lead zirconate titanate (PZT), manufactured as a single, 

continuous crystal, was the piezo of choice. Bulk PZT ceramics are still the highest efficiency piezo option 

in terms of mechanical loss (W. A. Smith and Auld 1991). However, bulk ceramics have been largely 

replaced by piezocomposite materials. Piezocomposites are a combination of a polymer material with lower 

acoustic impedance and some flexibility merged with pieces of piezo ceramics. 1-3 piezocomposites (where 

1-3 denotes a connectivity formalism compared to 0-3 and 2-2 which also exist but are less popular) are 

made up of small columns of piezoelectric ceramics embedded into a polymer material (Wilm et al. 2002). 

There are several advantages of 1-3 piezocomposites compared with bulk PZT. Composites have lower 

acoustic impedance which improves coupling efficiency into tissue and bandwidth. The polymer portion of 

the composites can be selected to add flexibility to the material which enables manufacturing of curved 

surfaces. Composites also dampen vibrational modes other than the thickness mode which improves the 

decoupling of neighboring elements (Chapelon et al. 2000).   
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Typically, a matching layer with an impedance value between the piezo impedance and the target medium 

impedance is included to improve transmission into the medium. Backing the piezo with air improves the 

forward transmit and receive efficiency of the element (due to air's extremely low acoustic impedance) and 

is typically used for therapeutic transducers (Szabo 2004). Air backing increases the ring-up and ring-down 

time of the unit which degrades axial resolution in imaging applications compared to backing with a 

damping material. The focal gain of a single element transducer can be improved by increasing the active 

surface area and using a spherical or parabolic element. Single element transducers are common for non-

destructive testing, oceanographic measurements, industrial flow applications, and some biological 

applications. The neuromodulation work described in chapter 3 uses small aperture (1"), 250 kHz and 500 

kHz transducers. Single element transducers have been implanted in the extradural space for blood-brain 

barrier opening in humans in multiple clinical trials (Carpentier et al. 2016).   

 

Single element transducers are the building blocks for imaging and therapeutic arrays which feature 

multiple elements that can be independently driven and/or used for receiving. With therapeutic arrays, it is 

common to place the elements about a spherical surface (E.S. Ebbini and Cain 1991). The spherical surface 

improves the focal gain of the transducer while reducing near-field pressure distributions but at the cost of 

degrading steering performance (Clement et al. 2000). Therapeutic arrays offer the benefit of steering as 

well as aberration correction (Clement and Hynynen 2002) over single element transducers but add cost 

and complexity for the transducer itself as well as the supporting electronics. Recently, a rapid-prototyping 

modular approach to array fabrication has been developed which lowers the cost of these systems while 

enabling multiple configurations to be used for a given set of element modules (Y. Kim et al. 2014). The 

design considerations of spherical arrays are outlined in detail in chapter 4, which describes the design of 

an array for transcranial macaque blood-brain barrier opening therapies.  
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Holographic acoustic plates and acoustic lenses have been developed to bring phase control for steering, 

aberration correction, and arbitrary focal patterns to lower-cost single element transducer systems. Acoustic 

lenses use a layer of material with varying thickness to impart a phase profile on the transmitted wave front 

(Maimbourg et al. 2018). Acoustic lenses can improve acoustic foci through human skulls. Acoustic lenses 

do not provide amplitude control across the aperture. Holographic acoustic plates use a separate approach 

for thickness calculations, working under Fabry-Perot resonance assumptions, and theoretically allow for 

both phase and amplitude control (Jiménez-Gambín et al. 2019). Holographic plates are typically used for 

arbitrary focal shaping and use flat transducers in place of spherical to allow for better focal shaping 

performance (less directivity).   

 

A common consideration for transducer selection is transmit/receive capabilities. While some applications 

of therapeutic ultrasound only use transmitted sound, others benefit from being able to receive sound during 

therapies. In some cases, entirely separate transducers are used for receiving which avoids requirements for 

complex equipment but does not inherently align the foci of the transducers (N. McDannold et al. 2012). 

Another approach is to embed a receive element(s) into the transmit array ((H. A. Kamimura et al. 2019; 

Vandiver Chaplin, Phipps, and Caskey 2018). This enables receiving at separate frequencies by tuning 

receive element sensitivities and ensures good alignment with the transmit focus, but results in direct 

coupling of energy into the receive elements. A third approach is to build a therapeutic array with a central 

cavity to house an imaging transducer and is referred to as a dual-mode transducer (Emad S. Ebbini, Yao, 

and Shrestha 2006). Dual-mode transducers provide the diagnostic imaging capabilities of an imaging array 

paired with the capabilities of the therapeutic array while also inherently co-registering the foci of the two 

transducers.  

 

There are several ablation arrays which do not use curved faces. Profound Medical (Toronto, CA) uses a 

linear ablation probe for trans-urethral prostate cancer ablation (Chopra et al. 2012). The probe works in 

conjunction with a rectal cryo-probe to limit off-target cooling. A flat 518 kHz array with 6144 elements 
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with λ/2 spacing (96 8x8 modular elements) has been developed for uterine fibroid ablation (Aslani et al. 

2020) and is being testing in a clinical trial (NCT03323905).  

 

Several non-conventional elements and emitting materials have been developed. Polyvinylidene fluoride 

(PVDF) is a ferroelectric polymer with lower acoustic impedance (more comparable to human tissue than 

PZT) and more broadband sensitivity (Foster, Harasiewicz, and Sherar 2000). PVDF transducers have been 

adopted for passive cavitation detection systems which require high bandwidth and sensitivity (O’Reilly 

and Hynynen 2010). An additional alternative to piezoelectric transducers are capacitive micromachined 

ultrasonic transducer (CMUT) (Ladabaum et al. 1998). CMUTs were first developed for air coupled 

applications, but when initial testing revealed potential bandwidth, sensitivity, and form-factor advantages 

over piezoelectrics the focus shifted also to medical applications. Despite several decades of development, 

their adoption into clinical devices is limited to an estimated 23 companies (Brenner et al. 2019). One 

limitation to CMUTs is lower electro-acoustic efficiency (Meynier et al. 2012). Carthera, a company 

developing extradural implants for blood-brain barrier opening, attempted to incorporate CMUTs into early 

designs, but their attempts failed to meet robustness criterion prompting them to switch to piezoelectrics 

(M. Canney, personal communication, October 26, 2022). 

  

 

2.2 Therapeutic applications of ultrasound 

2.2.1 State of therapeutic ultrasound 

 

The variety of mechanical and thermal mechanisms exhibited by ultrasound give it a range of therapeutic 

applications and clinical indications. Heating from the thermal effects of absorption enables ablation of 

tissue, and the most clinically adopted therapeutic ultrasound procedures are ablative. These include 

thalamotomy for essential tremor and Parkinson's disease (Lipsman et al. 2013), prostate ablation for 
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prostate cancer (Madersbacher et al. 1995), and uterine fibroid ablation (Hindley et al. 2004). Other targets 

for ablation reaching clinical trial status include liver cancer (L. Chen et al. 1993), breast cancer (Schmitz 

et al. 2008), bone metastasis (Liberman et al. 2009), and facet joint ablation for back pain (Harnof et al. 

2014). An additional thermal based mechanism is skin tightening, in which thermal rise is leveraged to 

denature collagen in the skin to achieve an aesthetic effect on skin (Alam et al. 2010).  

 

Other techniques being explored include histotripsy, sonobiopsy, immunotherapy, neuromodulation, and 

blood-brain barrier opening. Histotripsy is a technique for fractionating soft tissue with low cycle count 

(single cycle or <1 cycle), high intensity pulses (>6 MPa at 1 MHz) which generate a destructive shockwave 

(W. W. Roberts et al. 2006). Histotripsy may have potential for treating hepatocellular carcinoma (Worlikar 

et al. 2018), and liver cancer (Vlaisavljevich et al. 2013) among other indications where conventional 

ablation is difficult due to high perfusion cooling in vascular organs. Sonobiospy uses ultrasound focused 

to brain tumors in the presence of circulating microbubbles to increase the blood concentration of tumor-

derived molecular biomarkers (Pacia et al. 2022). By increasing the presence of these biomarkers, the hope 

is that diagnosis sensitivity and specificity can be improved. Immunomodulation via focused ultrasound is 

being explored for the potential to trigger or improve the immune system's response to cancer, Alzheimer's, 

and other disorders. FUS immunotherapy uses ablation, histotripsy, or mild hyperthermia to modulate an 

immune response (Curley et al. 2017). In the presence of certain sensitizing drugs and molecular oxygen, 

focused ultrasound can generate localized cytotoxic reactive oxygen species. These species may provide a 

means for treatment of solid cancerous tumors (Costley et al. 2015). 

 

We introduce these topics in brief to provide an overview of the field of therapeutic ultrasound. In the next 

two sections we discuss the two applications of therapeutic ultrasound explored in this dissertation in more 

detail. These are neuromodulation and blood-brain barrier opening. 

 

2.2.2 Ultrasound Neuromodulation 



22 
 

 

Ultrasound can alter the behavior of the nervous system, and researchers have demonstrated these effects 

sporadically throughout the past century in different in vivo and ex vivo preparations (Fry, Ades, and Fry 

1958; Mihran, Barnes, and Wachtel 1990). Since this time, researchers have validated ultrasound 

neuromodulation (USN) in animal models such as in vivo murine (W. Lee et al. 2018; H. A. S. Kamimura 

et al. 2016), rabbit(S.-S. Yoo et al. 2011), sheep (W. Lee et al. 2016), and non-human primate (Folloni et 

al. 2019). USN holds exciting potential as a means to remotely excite or inhibit neural pathways (Tyler et 

al. 2008). USN may hold the potential to stop tremors, reduce chronic pain, promote neurogenesis, or alter 

learning. Achieving these goals requires USN to reach consistent effect. One feature limiting the 

advancement of USN is the lack of understanding of the mechanisms underlying USN. Although heat is 

known to affect neural activity at the bulk and molecular scale (J. Wells et al. 2007; Shapiro et al. 2012), 

USN is frequently observed using power levels that do not generate significant heat (< 0.1 C) (Wattiez et 

al. 2017). 

 

There is increasing evidence that mechanical effects of ultrasound underly neuromodulation, yet the 

discussion remains open (Blackmore et al. 2019). Ye et al. found that mechanical index correlates with 

response frequency in in vivo mice, directly linking particle displacement to USN (Ye, Brown, and Pauly 

2016). A study in c. elegans showed that mutants without thermal sensitivity responded to US while mutants 

without mechanical sensitivity did not (Kubanek et al. 2018). This mechanical effect may be manifesting 

via ion channels. Researchers observed ion currents in bi-layer preparations containing the Nav1.2 ion 

channel during sonication (Prieto et al. 2013). Pyramidal neurons express stress activated cation channels 

which trigger action potentials when subjected to pressure (Nikolaev et al. 2015). Ion channel current 

modulation dependence on US power has been reported in the Xenopous oocyte (Kubanek et al. 2016). 

Prieto et al. showed activation of the Piezo1 channel by 43 MHz ultrasound and report acoustic streaming 

rather than particle displacement as the primary mechanism (Prieto et al. 2018).  
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In 2022, a strong case was made that mechanical stress on the plasma membrane due to ultrasound is the 

transduction mechanism underlying USN (S. Yoo et al. 2022). This work provided supporting evidence on 

multiple fronts. An assortment of ion channels were genetically and pharmacologically inhibited which 

reduced ultrasound response. Upregulation of these channels increased ultrasound response. A signal 

pathway was reported whereby ultrasound results in calcium influx through endogenous mechanosensitive 

ion channels which triggers signal amplification by calcium-gated sodium channels, and results in robust 

spiking activity. They show the pathway functions within neurons and does not require synaptic 

transmission. A fiber optic thermometer recorded temperature changes below 0.02°C at all parameters 

tested (300 kHz transducer). High speed camera images did not observe cavitation or large membrane 

deformations. 

 

An alternative transduction mechanism excluding ion channels is that pressure-induced displacement of the 

lipid bi-layer generates action potentials (Krasovitski et al. 2011). By extending the Hodgkin and Huxley 

model to include capacitance changes in the cell membrane due to ultrasound, Plaksin et al. created a model 

(Plaksin, Kimmel, and Shoham 2016) which matches well with in vivo observations of mouse motor cortex 

activation via ultrasound (King et al. 2013). However, these in vivo observations may be confounded by 

auditory transduction (Sato, Shapiro, and Tsao 2018). 
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Table 2.1. An aggregation of ultrasound neuromodulation parameters, models, and outcomes. This is not a 

comprehensive list but meant to be representative of foundational works published at the time of the work done in 

chapter 3 (2019). In some cases parameters and results listed are from one of the experiments described in a publication 

which included multiple experiments. Yes/no is used for outcomes which did not report outcomes in terms of a % 

likelihood but did observe or not observe an effect. PRF: pulse repetition frequency. fMRI: functional magnetic 

resonance imaging. ISPPA: spatial peak pulse average intensity. ISPTA: spatial peak temporal average intensity. 

Citation Ultrasound Parameters Readout Model 
Response 

% or yes/no 

(Tyler et al. 2008) 440 kHz, <1 MPa, pulsed and 

continuous 

Fluorescent Imaging Ex vivo mouse Yes 

(Tufail et al. 2010) 0.35-0.5 MHz, 1.5-2.5 kHz 

PRF, 0.36-0.42 W/cm2 ISPTA 

Electromyogram and 

tail movement 

Mouse Yes 

(Legon et al. 2012) 350 kHz, 70-100 PRF, 11.8-

54.8 W/cm2 ISPPA 

fMRI Human Yes 

(King et al. 2013) 500 kHz, 0.03 to 1.11 MPa, 

continuous and pulsed 

Electromyogram Mouse 0-64% 

(Deffieux et al. 

2013) 

320 kHz, continuous, 4 W/cm2 

ISPPA 

Eye saccade Macaque Yes 

(H. Kim et al. 2014) 350-650 kHz, pulsed and 

continuous, 4.8-5.6 W/cm2 ISPTA 

Tail movement Rat 10-100% 

(W. Lee et al. 2015) 210 kHz, 500 Hz PRF, 35 

W/cm2 ISPPA 

Tactile response Human Yes 

(W. Lee et al. 2016) 250 kHz, 500 Hz PRF, 6.6-14.3 

W/cm2 ISPPA 

Electroencephalograph Sheep 100% 

(G.-F. Li et al. 

2016) 

5 MHz, 1 kHz PRF, 0.13-0.23 

W/cm2 ISPTA 

Tail movement Mouse 0-70% 

(Ye, Brown, and 

Pauly 2016) 

0.3 - 2.9 MHz, continuous, 0-

150 W/cm2 ISPPA 

Electromyogram Mouse 0-70% 

(H. A. S. Kamimura 

et al. 2016) 

1.9 MHz, 1 kHz PRF, 1.1-1.8 

MPa 

Motor response and 

pupil dilation 

Mouse 0-70% 

(Wattiez et al. 

2017) 

320 kHz, , 240-410 kPa, 100 ms 

burst 

Electrophysiology and 

eye movement 

Macaque 47-53% 

(Dallapiazza et al. 

2017) 

1.14 MHz, 10 Hz PRF, 35-40 

W/cm2 ISPPA 

Electrophysiology Pig 76% 

(Gulick et al. 2017) 200 kHz, 1 kHz PRF, 4.5 W/cm2 

ISPTA 

Motor response Rat >50% in 4 

of 10 

sessions 

(Guo et al. 2018) 500 kHz, 200 kPa, 1 kHz PRF Fluorescent Imaging 

and Electrophysiology 

Guinea pig No 

(Sato, Shapiro, and 

Tsao 2018) 

500 kHz, 1.5 kHz PRF, 4.2 

W/cm2 ISPTA 

Fluorescent Imaging Mouse No 

(Legon, Bansal, et 

al. 2018) 

500 kHz, 1 kHz PRF, 23.87 

W/cm2 ISPPA 

Electroencephalograph Human Yes 

(Fisher and 

Gumenchuk 2018) 

510 kHz, 1 kHz PRF, 0.17 MPa Ca2+ Imaging Mouse Yes 

(Kubanek et al. 

2018) 

10 MHz, 30 - 3000 Hz PRF, 0 - 

1 MPa 

Motor response C. Elegans 0-80% 

(P.-F. Yang et al. 

2018) 

250 kHz, 2kHz PRF, 0.5-0.9 

MPa 

fMRI Macaque Yes 
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To illustrate the range of ultrasound parameters explored for neuromodulation and the variation in results, 

table 2.1 aggregates methods and findings from several works. The variety of parameters and outcomes 

highlights a need for consensus on which parameters should be used and for what purpose. A consensus 

could improve the response rate of neurons to ultrasound and the consistency of results across studies. Table 

2.1 shows response rates ranging from no response to 100% response. While readout scheme (calcium 

imaging, electrophysiology, motor response, functional magnetic resonance imaging) and animal model 

(mouse, rat, pig, sheep, non-human primate, or human) likely affect response rates, ultrasound parameters 

also play a role and are most readily tunable. The work in chapter 3 seeks to address the parameter space 

question surrounding ultrasound neuromodulation by studying the process in a controlled environment.  

 

We developed a model to study neural activity in the presence of ultrasound and used it to evaluate the 

effectiveness of a range of ultrasound parameters for modulating calcium influx in neurons. The model 

revealed a pulse repetition frequency dependence on neural activity and an ion channel dependence on the 

cellular mechanisms linking ultrasound and calcium influx. These findings strengthen the understanding of 

ultrasound neuromodulation and may increase the consistency of outcomes.  

 

2.2.3 Ultrasound blood-brain barrier disruption 

2.2.3.2 Disruption of the BBB with ultrasound 

 

The blood-brain barrier (BBB) refers to the network of vasculature supplying the brain which exhibits lower 

permeability than elsewhere in the body (Pardridge 2012). Increased tight junctions in endothelial cells are 

responsible for this decreased permeability. Natural transport across the BBB is limited to molecules 

smaller than 400 Da and having fewer than 8 hydrogen bonds (van de Waterbeemd et al. 1998). This creates 

a scarcity of drugs which permeate the BBB at therapeutically relevant concentrations with 98% of small-

molecules not meeting this criterion (Pardridge 2005).  
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Major efforts to design drug delivery strategies to overcome this have been undertaken in pharmacological 

research (Pardridge 2006). Strategies for enhanced transport without modifying tight junctions include 

chemical-mediated transport, receptor-mediated transport, and molecular trojan horses (Patel et al. 2009). 

Each of these hijack existing or engineered pathways through the endothelial cells to increase the amount 

of transport for a target molecule. Recent advances in nanoparticle fabrication techniques have added 

nanoparticles to the list of tools, but these need to overcome safety and scalability concerns (Ferraris et al. 

2020). Systemic  administration of mannitol can increase the delivered concentration of drugs through 

hyperosmotic shock (Greenwood et al. 1988). Mannitol is used mainly for administration of anticancer 

agents in the treatment of brain tumors and has been tested in clinical and preclinical trials.  However, 

preclinical work demonstrated structural brain damage, plasma extravasation, altered glucose uptake, and 

expression of heat shock proteins can occur, which have restricted its broad adoption (Miller 2002).  

 

Ultrasound was first shown to increase BBB permeability without circulating microbubbles in 1995 

(Vykhodtseva, Hynynen, and Damianou 1995). These initial results failed to identify ultrasound parameters 

which could increase permeability without causing permanent tissue damage. This is likely due to the 

requirement for cavitation to increase BBB permeability. Without exogenous microbubbles, high pressures 

were required to coalesce gas in the tissue into microbubbles which then are likely to violently collapse 

during the extreme rarefactional phase. By introducing exogenous microbubbles, the BBB could be 

temporarily and safely opened (Hynynen et al. 2001). With circulating microbubbles, the acoustic 

parameters required were much lower and largely removed concerns of skull heating and tissue 

hyperthermia. In fact, the permeability opened at such low pressure (0.8 MPa at 1.63 MHz) that the 

mechanical effects of the oscillating microbubbles were identified as the predominant driving factor instead 

of hyperthermia. 
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The mechanisms of microbubble-facilitated ultrasound BBB opening have been investigated in detail. 

Microbubbles oscillate volumetrically when subjected to ultrasound at appropriate frequency and pressure. 

The expansion ratio of bubbles can reach 30 fold under conditions employed for BBB opening (Ilovitsh et 

al. 2018). At low acoustic pressures, the volumetric oscillations are repeated in what is denoted as stable 

cavitation. Mechanical interactions between the expanding microbubbles and vascular endothelial cells are 

likely responsible for the increased permeability (Tung et al. 2011). At the cellular level, the permeability 

is linked to endothelial cell cytoplasmic openings in the form of fenestration, channel formation, and 

opening of tight junctions (Sheikov et al. 2004). Direct observations of microbubble interaction with micro 

vessel walls has been observed to support this theory (Caskey et al. 2007). Apart from direct coupling of 

the oscillating bubble and surrounding vasculature, acoustic streaming or radiation force on the bubbles 

may also increase permeability (N McDannold, Vykhodtseva, and Hynynen 2006). The tunneling of 

microbubbles into channel walls has been observed in gel phantoms and is attributed to radiation force 

deflecting bubbles into the walls (Caskey et al. 2009). At higher acoustic pressures, the volumetric 

oscillations begin collapsing in what is referred to as inertial cavitation. Inertial cavitation results in shock 

waves and high-velocity jets (Leighton 2012), the formation of free radicals (Edmonds and Sancier 1983), 

and high local temperatures (Apfel 1982). Inertial cavitation has been linked to severe mechanical damage 

to surrounding tissue, including edema and hemorrhage (N McDannold, Vykhodtseva, and Hynynen 2006; 

O’Reilly and Hynynen 2012).  

 

The parameters for ultrasound facilitated BBB opening have also been studied in detail. Frequencies used 

for BBB opening are typically between 200 kHz and 1.5 MHz with lower frequencies exhibiting higher 

skull transmission and larger foci. A parametric study in rabbits linked the threshold for BBB opening to 

mechanical index (equation 2.12) with a mechanical index of 0.46 giving a 50% probability of disruption 

(Nathan McDannold, Vykhodtseva, and Hynynen 2008a). Pulsed ultrasound is typically used to avoid 

heating with pulses around 10 ms in length and pulse repetition frequencies varying from 0.5 to 5 Hz). Pulse 

repetition frequency within this range was shown to not effect opening size (Nathan McDannold, 
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Vykhodtseva, and Hynynen 2008b). Reducing burst length to 1 and 0.1 ms reduced opening. However, 

shorter pulses have since been investigated to further reduce heating (Morse et al. 2019). The size of blood-

brain barrier opening is linked to acoustic pressure with higher pressures facilitating transport of 

increasingly large agents (up to 2000 kDa) (H. Chen and Konofagou 2014).  Microbubble doses between 

50, 100, and 250 µl/kg all gave the same opening outcomes in a parametric rabbit study (Nathan 

McDannold, Vykhodtseva, and Hynynen 2008b). The outcome of opening is linked to tissue type (grey 

matter vs. white matter) in the brain. Grey matter disruption occurs at lower pressures (Carpentier et al. 

2016) and in greater extent likely due to increased vascularity (N McDannold, Vykhodtseva, and Hynynen 

2006; M. E. M. Karakatsani et al. 2017).  

 

2.2.3.2 Cavitation monitoring 

 

Due to the link between inertial cavitation and tissue damage, it is desirable to keep pressures at the target 

within the range that causes stable cavitation. In practice this is made challenging in large animal and 

clinical procedures due to variable transmission through the skull. For this reason, it is common to use 

acoustic feedback to control pressure levels. Cavitating microbubbles emit pressure waves which map to 

the status of the oscillations (none, stable, inertial). Stably oscillating microbubbles produce pressure waves 

with harmonic frequency content at whole number intervals (Leighton 1994) of the fundamental frequency. 

At the upper end of the pressure range for stable cavitation, nonlinear oscillations result in ultra-harmonic 

content and half fraction intervals (0.5*f0, 1.5*f0, 2.5*f0, and so on) with f0 being the fundamental 

frequency). Inertial cavitation events result in highly non-linear pressure waves with broadband frequency 

content.  

 

These differences in emitted pressure waves corresponding to the cavitation conditions provide a means for 

real time feedback during BBB opening therapies. In general, there have been three approaches to cavitation 

monitoring feedback. First of these are constant pressure, where pressure is estimated based on a derating 
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factor and cavitation signals are used only as a comparative measure of safety (hemorrhage, edema, 

histology) (Pouliopoulos et al. 2021; S.-Y. Wu et al. 2014). The drawback to this approach is that pressure 

is set based on a fixed derating factor and that procedures with outliers may result in insufficient or excess 

pressure delivery. However, with sufficiently low frequency transducers or models with thin skulls this 

approach is effective.  

 

A second approach is to tune PNP to produce an empirically determined magnitude of emissions, as first 

proposed by Arvanitis in non-human primates (Arvanitis et al. 2012). In this scheme, an amount of 

harmonic emission is empirically chosen as a target value. During therapies, the applied pressure can be 

manually or automatically increased until that amount of emission is detected. This approach was shown to 

be effective using harmonic emissions for doxorubicin delivery (T. Sun et al. 2017). This technique was 

extended to incorporate baseline subtraction, where baselines are captured for all candidate amplitudes prior 

to the arrival of bubbles (H. A. Kamimura et al. 2019). In this work, the feedback system avoided damage 

in non-human primates while achieving BBB opening. A strength of this approach is that it provides real-

time pressure adjustment which helps capture variance in transmission from therapy to therapy. A downside 

to the approach is that it requires a set of initial test subjects to determine the target emission value. 

Furthermore, this target value must be identified empirically for each new ultrasound device used for BBB 

opening. 

 

A third approach which has been clinically adopted is to incrementally increase PNP until the detection of 

a threshold event and then reduce the pressure to an empirically determined value. This approach was 

effective using ultraharmonics as the threshold event and reducing pressure to half the threshold value 

(O’Reilly and Hynynen 2012). This approach has also been adapted to work using subharmonic emissions 

(Burgess et al. 2014) and was adopted clinically for BBB opening trials (Lipsman et al. 2018; Abrahao et 

al. 2019; Mainprize et al. 2019). A strength of the threshold event approach is that it provides an opportunity 

to inform low pressure pulses that may not result in detectable cavitation with signals from high pressure 
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pulses that do result in detectable cavitation. For instance, if the system detects the onset of inertial 

cavitation or ultraharmonics at one pressure level, it can be assumed that some cavitation is occurring at the 

target at significantly lower pressures even if cavitation signals were not measured at those levels. This 

approach may be beneficial to cavitation monitoring systems with signal detection limits higher than the 

magnitude of emissions from transcranial, low pressure, stable cavitation events.  

 

Several factors confound using cavitation feedback to estimate in situ pressure. Microbubble concentration 

is not constant throughout the brain (Prada et al. 2021). Harmonic signal amplitude increases with 

microbubble concentration. Therefore, the ideal emission amplitude-based feedback metric would change 

based on the focus location in the brain and the microbubble concentrations of that location. Practically the 

variance in microbubble concentration could be partially accounted for by updating the target emission 

value based on which tissue type or what ratio of tissue types overlap with the acoustic focus. Skull 

distortions also produce high variability in the magnitude of bubble emissions incident on the receive 

element. Thickness, density, porosity, and incidence angle vary across skulls and patients and factor into 

the transmitted amplitude of both the therapy pulse and the detected microbubble emissions. The 

magnitudes of returning signals are affected by receive element sensitivity. Because magnitude is part of 

the empirically determined dose decision, the empirical relationship must be re-established for each system. 

 

Systems have been developed which take cavitation monitoring a step further by adding spatial information 

using passive cavitation mapping. Passive cavitation mapping was originally developed for diagnostic 

imaging purposes but has shown been shown effective in preclinical models for predicting BBB opening 

sites (Deng et al. 2016). Incorporating this technology into clinical studies has added challenges due to 

significant skull distortions which violate beamforming assumptions (Ryan M Jones, O’Reilly, and 

Hynynen 2013) . Complex custom transcranial transducers with multiple receive elements distributed about 

a large aperture are required to enable this approach along with beamforming algorithms which factor in 

skull aberration (Ryan M. Jones et al. 2018). Cavitation mapping may help predict and control BBB opening 
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outcomes like volume and location of disruption with higher precision than enabled with a single receive 

element. Also, because of the spatial information provided, cavitation mapping may enable BBB opening 

procedures without MRI guidance or evaluation, which would greatly reduce cost and complexity while 

increasing the treatable population by enabling procedures at clinical sites where MRI is unavailable. 

 

Chapters 4 and 5 of this work focus on BBB opening. Chapter 4 describes the design and initial testing of 

a transducer for small volume blood-brain barrier opening in the macaque. Chapter 5 describes the in vivo 

validation of the transducer along with MRI based outcome evaluation. The spatial specificity of ultrasound 

BBB opening is limited by the spot size of the transducer used. In applications such as drug-delivery for 

glioblastoma, desired opening volumes are large. However, for gene-therapy, the desired opening volume 

matches the size of the brain region that is the target of the therapy. Table 2.2 aggregates the specifications 

and performances of prior systems tested for in vivo transcranial non-human primate BBB opening 

procedures. The table also the specification and performance of the transducer designed and tested in 

chapter 4 and five of this work. 
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Citation Transducer Spot size [mm] 
Opening 

Volume [mm3] 

(Marquet et al. 2011) 500 kHz single element - 24 - 285 

(N. McDannold et al. 2012) ExAblate 4000, 220 kHz, 

1024 channels 

4 x 10 * ~1000 (multi-point 

therapies) 

(Marquet et al. 2014) 500 kHz single element 3 x 21 115 

(S.-Y. Wu et al. 2014) 500 kHz single element 5.85 x 34 112 - 495 

(Downs, Buch, Karakatsani, et 

al. 2015) 

500 kHz single element 3 x 21 462 - 605 

(Downs, Buch, Sierra, et al. 

2015) 

500 kHz single element 3 x 21 29 - 2480 

(Samiotaki et al. 2017) 500 kHz single element 5.85 x 34 160 - 850 

(M. E. M. Karakatsani et al. 

2017) 

500 kHz single element 5.85 x 34 142 - 854 

(S.-Y. Wu et al. 2018) 500 kHz single element 5.85 x 34 100 - 600 

(H. A. Kamimura et al. 2019) 500 kHz annular array 2.8 x 33 - 

(Pouliopoulos et al. 2020) 250 kHz single element 6 x 49 153 

(M. E. Karakatsani et al. 2021) 500 kHz single element 5.85 x 34 57 -  64 

(Constans et al. 2020) 245 kHz single element 6 x 39 - 

(Pouliopoulos et al. 2021) 250 kHz single element 6 x 49 680 - 1413 

(Zhou et al. 2021) 300 kHz single element 6.9 x 30 - 

(Zhou et al. 2022) 300, 650, and 800 kHz 

single element 

~ 5 x 20 ** - 

Our system 1 MHz phased array 1.9 x 9.5 *** 59 ± 37.3 **** 

 

Table 2.2. Specifications and performance of systems used for transcranial blood-brain barrier opening in non-human 

primates. * Spot size for 220 kHz mode (Raspagliesi et al. 2021). ** Spot size only reported for 800 kHz transducer. 

*** Spot size when steered inward 1 cm. **** Opening volume at cortical targets. - : value not reported. 
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2.3 Essential adjacent technologies 

2.3.1 Acoustic simulations for transcranial ultrasound 

 

Computational techniques for acoustic field predictions have played a key role in transcranial ultrasound 

for the past two decades. Aberrations are imparted on wave fronts as they pass through skull, resulting in 

distorted foci with spatial shift and decreased intensity. It was clear from early on that the effect of the skull 

would have to be considered for both the transducer design stage and therapy stage. Early numerical studies 

evaluated the feasibility of transcranial focusing, the appropriate frequency ranges to use, and the ideal size 

of elements (J. Sun and Hynynen 1998). Hydrophone measurements of transcranial foci revealed that 

without phase correction, the acoustic focus is inadequate for accurate therapy in many skulls (Clement et 

al. 2000). 

 

Wavevector-frequency domain (also termed k-space) models have been most widely adopted for 

transcranial ultrasound simulations, offering the ability to incorporate heterogeneous media into solutions 

while demonstrating stability out to computationally suitable spatiotemporal step sizes. An early model 

used for non-invasive (hydrophone-free) correction of a transcranial focus used a k-space model which 

simulates elements of a phased array independently and approximates the skull for each as a homogenous 

plane (Clement and Hynynen 2002). This model computes the refraction and transmission for each 

wavevector independently using an intermediate ray tracing step and outputs the expected phase deviation 

from water at the focus. The angular spectrum technique is applied for grid portions in water and brain to 

reduce computation time. The Clement technique offers a method for incorporating the size and shape of 

the skull into the acoustic field while taking advantage of the computational efficiency of the Fourier 

transform and its relationship to acoustic propagation. The Clement technique is reportedly the closest 

published work to what is used in clinical systems for phase correction (Ryan M Jones and Hynynen 2016) 
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(apart from microbubble based correction which is used in some blood-brain barrier opening procedures). 

A limitation of the Clement model is that is treats the skull as a plane of homogenous media for each element 

and fails to incorporate small scale variations in the skull. The model also ignores acoustic nonlinearity. A 

practical limitation is the lack of a public repository with implementation code. 

 

Most similar to the Clement approach and of recent interest is the hybrid angular spectrum (HAS) model 

(Vyas and Christensen 2012). Similar to the Clement model, HAS uses the angular spectrum technique to 

propagate the pressure field in the k-space domain through homogenous portions of the medium. Rather 

than assuming the medium heterogeneity can be represented as a single plane as in the previous model, 

HAS incorporates voxel-wise heterogeneity by alternating between k-space projection and a spatial plane-

by-plane propagation. HAS was shown to improve transcranial focusing over the clinically available 

proprietary phase-correction model (Leung et al. 2021) and to predict thermal rise in essential tremor 

treatments (Leung et al. 2019). A major limitation of this approach is that it has not been extensively 

validated in highly heterogeneous media.  

 

A third option, the k-space pseudospectral method, provides a balance of computational efficiency, voxel-

wise heterogeneity, and time-domain output (Bojarski 1982). As with the two prior models, this approach 

uses a propagator expressed in the spatial frequency domain (k-space) but combines it with a finite 

difference approach. Rather than solving a resulting pressure field from an initial pressure distribution, this 

method can solve temporal pressure fields given a temporally varying excitation source (Treeby and Cox 

2010). The grid-wise finite differences are computed using a spectral method rather than a classic numerical 

derivative which facilitates stability at larger spatial step sizes. Furthermore, this approach can be extended 

to incorporate acoustic nonlinearities (B/A parameter) (Beyer 1997; Martin, Jaros, and Treeby 2020). This 

model has been packaged into a freely available, well documented MATLAB library (k-wave.org). It's 

accuracy has also been validated in transcranial scenarios (Robertson et al. 2017). CUDA solvers are 
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provided which leverage GPU capabilities to provide suitably fast computation. For these benefits, k-Wave 

has been the simulation approach of choice for simulations used throughout this work. 

 

Simulations guide the design of a transducer for transcranial blood-brain barrier opening in chapter 4 of 

this dissertation. The methods used for computing simulation grids is described in this chapter along with 

the approach for computing acoustic properties from simulation grids.  

 

2.3.2 MRI for guidance and evaluation 

2.3.2.1 MRI for evaluation 

 

MRI has found an essential role in both preclinical and clinical FUS. A portion of that role is evaluating the 

outcomes of FUS procedures. Several MRI contrast mechanisms linked to FUS outcomes have proven 

critical in advancing the field including MR-thermometry, fMRI, gadolinium imaging, susceptibility-

weighted imaging, and FLAIR imaging. MR-thermometry provides quantitative spatial maps of 

temperature changes. MR-thermometry works by taking advantage of the temperature dependence of proton 

resonant frequency (Rieke and Pauly 2008). MR-thermometry has been critical in prostate ablation and 

thalamotomy procedures where it provides both targeting and dosimetry feedback. Surgeons can accurately 

estimate ablated regions during the procedure, terminate the therapy once the ablation goal is met, and 

measure with a post therapy T2-weighted image to confirm ablated volume (Lipsman et al. 2013). Diffusion 

MRI is also now incorporated into MR-guided ablations, with tractography changes providing an additional 

level of information to plan and evaluate treatments (Krishna et al. 2019). 

 

Functional MRI has also synergistically combined with FUS in the neuromodulation realm. fMRI provides 

contrast of oxygenated blood delivery via the blood oxygen level-dependent (BOLD) effect which is linked 

to neural activity and prioritization (Ogawa et al. 1990). By acquiring fMRI during US neuromodulation 
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procedures, BOLD changes due to neuromodulation can be spatiotemporally monitored. This has proven a 

fruitful combination in humans (Legon et al. 2012) and non-human primates (P.-F. Yang et al. 2018). fMRI 

+ US enables measurement of both isolated and network scale neuromodulation effects. However, the low 

signal magnitude of the BOLD changes limits the spatiotemporal resolution achievable with adequate SNR.  

 

Gadolinium imaging, susceptibility weighted imaging, and FLAIR imaging have all taken core roles in 

ultrasound BBB disruption. Gadolinium imaging uses t1-weighted hyperintensity in the presence of 

exogenously introduced gadolinium to measure BBB integrity (Ryken et al. 2014). Gadolinium imaging 

became popular for glioblastoma analysis where the BBB is often compromised in and around tumors and 

is an excellent tool for measuring BBB disruption caused by ultrasound. It is the only non-invasive method 

for measuring this disruption. Invasive methods include Evans blue histology (Chiueh et al. 1978) and 

imaging assays which measure the presence of a fluorescent biomarker delivered during the BBB disruption 

window (Szablowski et al. 2018).  

 

Susceptibility weighted images (SWI) provide contrast on tissues' magnetic susceptibilities (Haacke et al. 

2004). Of interest to FUS, SWI is used to check for hemorrhage which has been linked with excessive 

ultrasound dose during BBB opening procedures. Hemorrhage in these cases is long lasting and can be 

measured with SWI at time periods greater than months, sometimes with little change. A drawback of SWI 

is that healthy vasculature also shows as hypointensity. It can be difficult to ensure no hemorrhage in the 

event of BBB opening which occurs around vessels. 

 

Fluid attenuated inversion recovery (FLAIR) imaging provides T2 contrast in which fluids are bright but 

with CSF signal suppressed (Hajnal et al. 1992). Edema occurs commonly in glioblastoma, brain surgery, 

and BBB opening therapies. FLAIR imaging provides good contrast for edema and is used to measure 

occurrences following BBB opening therapies. Edema in these cases is also linked to excessive pressure 

delivery but is typically temporary in nature. 
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2.3.2.2 MRI for guidance 

 

MRI is also critical for guiding ultrasound procedures. MRI provides excellent soft tissue contrast in the 

brain, prostate, breasts, and liver which have been major target groups for FUS. Additionally, MR-ARFI 

and MR-thermometry sample displacement and temperature changes during sonications. These provide a 

spatial map of changes induced by the ultrasound that can readily be co-registered with high contrast soft 

tissue images such as t1-weighted images to guide placement of the focus or electronic steering of the focus. 

MR-ARFI measures displacement along a motion encoding gradient (MEG) (Nathan McDannold and 

Maier 2008). Tissue displaced along the gradient accumulates phase at a different rate than static tissue. 

MR-ARFI typically uses two equal magnitude, opposite polarity MEGs such that static tissue accumulates 

net-zero phase, while tissue displaced by acoustic radiation force from ultrasound accumulates phase 

proportional to displacement. Acoustic radiation force is proportional to spatial peak pulse average intensity 

(equation 2.16). Perfectly elastic tissue would experience displacement proportional to this force. Phase 

accumulation in MR-ARFI is proportional to net displacement and thus temporal average acoustic intensity. 

  

MR-ARFI sequences are capable of detecting single micron displacement which is sufficient for detecting 

relatively low power, short (< 10 ms) FUS pulses (Nathan McDannold and Maier 2008). MR-ARFI 

therefore has the advantage over MR-thermometry in scenarios where heating is to be avoided such as non-

ablative therapies (BBB opening and neuromodulation). MR-ARFI may also offer advantages in fatty tissue 

(Payne et al. 2020). MR-thermometry offers higher spatiotemporal resolution than MR-ARFI making it a 

better choice for ultrasound pulses which cause heating, such as ablative therapies. MR-ARFI requires 

higher pressure but lower duty cycle. 
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2.3.3 Optical tracking 

 

Optical tracking has played a key role in the guidance of FUS. While MRI and CT provide unmatched deep 

tissue contrast in regions well suited for FUS, they greatly increase procedural cost and time. It has become 

common to acquire preoperative images for surgical planning and then use optical tracking in conjunction 

with these images for neuronavigation. In this scenario optical tracking provides the means to overlay the 

location of a transducer's focus on preoperative images in real time (V. Chaplin et al. 2019). Optical tracking 

has been used in research (S.-Y. Wu et al. 2018) and clinically (K.-T. Chen et al. 2020) for BBB opening 

procedures as well as for neuromodulation in large animals (P.-F. Yang et al. 2018; W. Lee et al. 2016). 

The accuracy of optical tracking varies from task to task and within FUS studies investigating this but has 

been reported as 2-3 mm (V. Chaplin et al. 2019; Wei et al. 2013). 

 

In typical optical tracking, a stereovision infrared camera is used to track passive tools with multiple 

reflective spheres arranged to have unique vertices. The camera identifies the location and pose of several 

tools at once and streams this information in real time to a virtual serial port or similar interface where other 

applications can access the information. The locations and poses (Euler angles or quaternions) of the tools 

are in a coordinate system relative to either the camera itself or the coordinate system of a reference tool 

which is fixed relative to the subject. It is then simply a matter of transforming the preoperative images and 

the location of the FUS focus into the same coordinate system. 

 

The transform between image space and camera or reference space is commonly inferred using fiducials 

which are visible in both the preoperative images and in the procedural room. By collecting the coordinates 

of each fiducial digitally in image space and physically with a tracked tool (stylus) the transform can be 

computed using point-based registration (Fitzpatrick, West, and Maurer 1998). The other necessary 

transform is that which informs the location of the transducer's focus relative to the transducer's tracker tool 
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coordinate system. Several methods exist for computing this transform including pivot calibration (H. Kim 

et al. 2012), surface fitting the transducer face using a stylus, and optically tracking a hydrophone (arrays 

only). We describe the optical tracking with a hydrophone technique in detail in section 4.7 
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Chapter 3 

 

Ultrasound neuromodulation depends on pulse repetition frequency and can modulate 

inhibitory effects of tetrodotoxin 

 

3.1 Abstract 

 

Ultrasound is gaining traction as a neuromodulation method due to its ability to remotely and non-invasively 

modulate neuronal activity with millimeter precision. However, there is little consensus about optimal 

ultrasound parameters required to elicit neuromodulation and how specific parameters drive mechanisms 

that underlie ultrasound neuromodulation. We address these questions in this work by performing a study 

to determine effective ultrasound parameters in a transgenic mouse brain slice model that enables calcium 

imaging as a quantitative readout of neuronal activity for ultrasound neuromodulation. We report that (1) 

calcium signaling increases with the application of ultrasound; (2) the neuronal response rate to ultrasound 

is dependent on pulse repetition frequency (PRF); and (3) ultrasound can reversibly alter the inhibitory 

effects of tetrodotoxin (TTX) in pharmacological studies. This study offers mechanistic insight into the 

PRF dependence of ultrasound neuromodulation and the nature of US/ion channel interaction. 

 

*This chapter is published in Nature, Scientific Reports (T. J. Manuel et al. 2020) 

 

3.2 Introduction 

 

Ultrasound neuromodulation (USN) is gaining traction as a non-invasive neuromodulation modality but 

little is known about how ultrasound affects neurons. Ultrasound can alter the behavior of the nervous 

system, and researchers have demonstrated these effects sporadically throughout the past century in 
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different in vivo and ex vivo preparations (Fry, Ades, and Fry 1958) (Mihran, Barnes, and Wachtel 1990). 

Since this time, researchers have routinely validated USN in animal models such as in vivo murine (W. Lee 

et al. 2018) (H. A. S. Kamimura et al. 2016), rabbit (S.-S. Yoo et al. 2011), sheep (W. Lee et al. 2016), and 

non-human primate (Folloni et al. 2019) . Researchers have recently found ultrasound stimulation of 

specific regions of the primate brain elicits responses in both the stimulated and connected regions (P.-F. 

Yang et al. 2018) (Deffieux et al. 2013). Ultrasound offers a potential therapy in these cases by enabling 

non-invasive modulation of specific brain circuit nodes that underlie diseases such as disorders of 

consciousness (Monti et al. 2016), chronic pain (Hameroff et al. 2013) and Alzheimer’s disease (Beisteiner 

et al. 2019). For an in-depth review on USN results, mechanisms, and safety see Blackmore et al 

(Blackmore et al. 2019). Further information about the interactions of ultrasound with neurons will be 

crucial to fully leverage this therapeutic technology.  

 

As ultrasound propagates through tissue it displaces particles and can potentially generate biological effects 

through mechanical or thermal effects (O’Brien 2007). At low mechanical indexes where diagnostic 

imaging occurs, the tissue is mostly unaffected and returns to its original state after the ultrasonic wave 

propagates. As the mechanical index is increased, the displacement can be large enough to generate direct 

mechanical effects or heat.  Although heat is known to affect neural activity at the bulk and molecular scale 

(J. Wells et al. 2007) (Shapiro et al. 2012), USN is frequently observed using power levels that do not 

generate significant heat (< 0.1 °C) (Wattiez et al. 2017). We only explore pulses in this “non-thermal” 

regime in the present study.  

 

There is increasing evidence that mechanical effects of ultrasound underlie neuromodulation, yet the 

discussion remains open. Ye et al. found that mechanical index correlates with response frequency wh vivo 

mice, directly linking particle displacement to USN (Ye, Brown, and Pauly 2016). A study in c. elegans 
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showed that mutants without thermal sensitivity responded to US while mutants without mechanical 

sensitivity did not (Kubanek et al. 2018). This mechanical effect may be manifesting via ion channels. 

Researchers observed ion currents in bi-layer preparations containing the Nav1.2 ion channel during 

sonication (Prieto et al. 2013). Nikolaev et al found that pyramidal neurons express stress activated cation 

channels which trigger action potentials when subjected to pressure (Nikolaev et al. 2015). In the Xenopous 

oocyte, ion channel current modulation dependence on US power has been reported (Kubanek et al. 2016).  

Prieto et al. showed activation of the Piezo1 channel by 43 MHz ultrasound and report acoustic streaming, 

or the displacement of fluid in the direction of ultrasound propagation, rather than particle displacement as 

the primary mechanism (Prieto et al. 2018). An alternative transduction mechanism excluding ion channels 

is that pressure-induced displacement of the lipid bi-layer generates action potentials (Krasovitski et al. 

2011). By extending the Hodkin and Huxley model to include capacitance changes in the cell membrane 

due to ultrasound, Plaksin et al. created a model (Plaksin, Kimmel, and Shoham 2016) which matches well 

with in vivo observations of mouse motor cortex activation via ultrasound (King et al. 2013).  

 

In implementing USN, several parameters can be varied for pulse design. These include fundamental 

frequency, duty cycle, pressure, and pulse repetition frequency (PRF). Since mechanisms remain unknown, 

researchers select parameters using empirical and ad hoc methods. An early study detailing the use of 

ultrasound for neuromodulation employed PRF in the kilohertz range (Tufail et al. 2011). Many studies 

have since chosen a similar repetition frequency in USN pulses presumably based on this work, but there 

is little physiological basis for introducing this pulsed scheme (King et al. 2013) (H. Kim et al. 2014) (Legon 

et al. 2014). King et al. did not find PRF to increase stimulation success, while others have noted that burst 

parameters elicit a strong off-target auditory effect which can confound the direct neuromodulatory effect 

(Guo et al. 2018) (Sato, Shapiro, and Tsao 2018).  Yoon et al. conducted a thorough parametric study in 

sheep and found continuous ultrasound to perform worse than pulsed ultrasound for cortical and thalamic 

stimulation (Yoon et al. 2019). Other studies investigating USN in peripheral nerves show that tuning PRF 
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affects skin sensations and readouts from functional magnetic resonance imaging (fMRI) and 

electroencephalographic (EEG) data (Legon et al. 2012; W. Lee et al. 2014). As our understanding of direct 

neuromodulatory and off-target effects evolves, increased knowledge about the nature of mechanical 

stimulation is desirable to clarify the role of pulse repetition frequency and help us design pulses that are 

optimized for neuromodulation.  

 

In order to improve our understanding of the ultrasound parameters that best modulate neurons, we 

quantified neuronal activity in an ex vivo brain slice model using a range of non-thermal ultrasound 

parameters. This manuscript describes the methods and experiments used to test USN parameters in a 

murine brain slice model using calcium imaging for activity measurement. These measurements are 

independent of artifacts from auditory pathway confounds as well as artifacts from ultrasound interacting 

with electrodes. We show direct observation of calcium signaling in response to ultrasound at parameters 

reported by others. Furthermore, we show dependence of USN on PRF, revealing that tuning PRF affects 

response rates. Using low concentration inhibition agents, we demonstrate that pulsed ultrasound reversibly 

affects ligand/channel kinetics, highlighting a potential mechanism that has not been previously considered. 

Our observations provide an important link between observations at the single cell and whole animal.  

 

3.2 Methods 

 

We used a calcium imaging brain slice model to optically measure intracellular calcium mobilization  of 

genetically tagged neurons (T.-W. Chen et al. 2013) in response to ultrasound. Coronal brain slices 

containing the motor cortex were prepared from transgenic mice selectively expressing genetically encoded 

calcium indicator GCaMP6s in cortical pyramidal cells or all neuronal cells by crossing Cre-dependent 

GCaMP6s mice (JAX #024106) with CaMKIIα-Cre mice (JAX #005359) or Syn-Cre mice (JAX #003966), 
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respectively. Animals were housed under a 12-hour light/dark cycle with free access to food and water in 

their home cages. All procedures were approved by the Institutional Animal Care and Use Committee of 

Vanderbilt University and conformed to the guidelines established by the National Research Council, the 

Guide for the Care and Use of Laboratory Animals. In brief, mice (both male and female, 6-19 weeks of 

age) were anesthetized with isoflurane, euthanized, and decapitated. Brains were rapidly removed and 

submerged into oxygenated (95% O2 /5% CO2),  ice-cold NMDG-based cutting/recovery solution (in mM: 

93 NMDG, 2.5 KCl, 1.2 NaH2PO4, 30 NaHCO3, 20 HEPES, 25 D-glucose, 5 sodium ascorbate, 2 thiourea, 

3 sodium pyruvate, 10 MgSO4, 0.5 CaCl2; pH 7.3, 298-305 mOsm). Coronal slices (200-300 m thick) 

containing the motor cortex were cut using a Leica VT1200S microtome (Leica Microsystems Inc, Wetzlar, 

Germany) and transferred into and incubated in a chamber containing the NMDG-based cutting/recovery 

solution aerated with 95% O2 /5% CO2  at 32 °C for 8 min. Slices were then maintained at room temperature 

in a holding chamber containing artificial cerebral spinal fluid (aCSF) (in mM: 126 NaCl, 2.5 KCl, 1.25 

NaH2PO4, 2 CaCl2, 1 MgSO4, , 26 NaHCO3 and 10 D-glucose)  for at least 1 hour until transferred to an 

imaging chamber superfused with oxygenated aCSF.     

 

Experimental Setup  

We developed an experimental apparatus capable of delivering ultrasound to a brain slice via a 1-inch 

spherically focused transducer (NDT, Huntington Beach, CA, USA) of either 250 kHz or 500 kHz (figure 

3.1A) center frequency powered by an amplifier and function generator (A150, E&I, Rochester, NY, USA; 

Keysight, 33500B Santa Rosa, CA, USA). Figure 3.1A was rendered using Solidworks (Solidworks Corp., 

Waltham MA). Sound was delivered through an agarose filled custom 3D printed acoustic reflection cone 

coupled through a Thermanox membrane (NUNC) and into an imaging chamber superfused with 

oxygenated aCSF (34°C). The cone was designed so that the propagation direction was not perpendicular 

to the microscope objective to reduce standing wave effects. The brain slices were held in place above the 

acoustically transparent membrane in the imaging chamber by a harp (Warner). The harp strings which are 

https://www.google.com/search?sxsrf=ACYBGNQ0N7lXzjwAsX5NJeRL8EYeoOIvJQ:1580489112148&q=Wetzlar&stick=H4sIAAAAAAAAAOPgE-LSz9U3sExPMksvVuIEsQ0ts4yrtLSyk63084vSE_MyqxJLMvPzUDhWGamJKYWliUUlqUXFi1jZw1NLqnISi3awMgIA2xSWHVIAAAA&sa=X&ved=2ahUKEwi7hefgpK7nAhXxm-AKHUiZAiIQmxMoATAVegQIDBAH&sxsrf=ACYBGNQ0N7lXzjwAsX5NJeRL8EYeoOIvJQ:1580489112148
https://www.google.com/search?sxsrf=ACYBGNQ0N7lXzjwAsX5NJeRL8EYeoOIvJQ:1580489112148&q=Wetzlar&stick=H4sIAAAAAAAAAOPgE-LSz9U3sExPMksvVuIEsQ0ts4yrtLSyk63084vSE_MyqxJLMvPzUDhWGamJKYWliUUlqUXFi1jZw1NLqnISi3awMgIA2xSWHVIAAAA&sa=X&ved=2ahUKEwi7hefgpK7nAhXxm-AKHUiZAiIQmxMoATAVegQIDBAH&sxsrf=ACYBGNQ0N7lXzjwAsX5NJeRL8EYeoOIvJQ:1580489112148
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40µm in diameter were positioned such that they were not within the field of view of the microscope and 

were thus not affecting the ultrasound path through the neurons being imaged. Fluorescent images were 

captured using an Olympus BX50WI upright fluorescence microscope equipped with a 10x water 

immersion objective (Olympus, Lake Success, NY). Blue light (470nm LED, Thorlabs Inc., New Jersey) 

was delivered through the 10x water immersion objective lens on the microscope. Clampex software 

(Molecular Devices, San Jose, CA) and HCImage Live (Hamamatsu, Japan) were used for triggering and 

image acquisition. A Hamamatsu ORCA-Flash4.0 LT digital camera (Hamamatsu, Japan) was used 

sampling at 6.5 µm per pixel and 2 frames per second with a 1.3 mm field of view.  
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On each day of experimentation, the acoustic reflector cones (one for each frequency tested) were filled 

with fresh agarose and allowed to set for one hour. The pressure output was measured for both cones by 

coupling the cone face to a waterbath and measuring pressure with a ceramic hydrophone (Onda, 

Sunnyvale, CA). The pressure maximum for each cone was marked by crosshairs on the cone face, which 

were used as a reference to accurately position the motor cortex of the brain slices in the imaging chamber. 

The uniformity of the acoustic intensity across the microscope field of view is shown for both cones in 

Figure 3.1. A) Experimental setup showing sonication from below while imaging from above. B) 

Relative acoustic intensity at the plane of the slice (blue square marks field of view of microscope, 

1.3mm2 ). C) Processing procedure showing Ca2+ signal traces for individual ROIs. Ca2+ images (left) 

taken at 2 frames per second (fps). Number of signal increases for each frame is shown below the traces. 

Response to US was determined by comparing signal rates between baseline frames and frames during 

and after US stimulation. 
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figure 3.1B. Temperature measurements were recorded once for each US parameter reported using a 

thermocouple (MAX31855, Adafruit, New York, NY USA) placed at the hotspot in the imaging chamber 

and read by an Arduino UNO (Arduino, Somerville, MA, USA).  

 

Protocol for ultrasound calcium imaging trials 

Slices were transferred to the imaging chamber and allowed to rest for 2 minutes prior to imaging. A ‘single 

trial’ is a measurement which includes calcium imaging during a baseline period and calcium images during 

a sonication period. For continuous wave experiments 30 seconds of images were acquired at 2 Hz with 

20s baseline and 10s post sonication. For low duty cycle trials varying PRF, longer acquisitions were used 

with 40s of baseline followed by 120s post sonication. The minimum time between repeated trials was 30s.  

 

Processing image sequences 

The general processing approach is shown in figure 3.1C. Processing was done in MATLAB R2019a 

(MathWorks, Natick, MA) and ImageJ (Schneider, Rasband, and Eliceiri 2012). Each dataset was corrected 

for photobleaching by fitting an exponential model to the average intensity over time. Cell ROIS were 

selected manually using the ImageJ oval tool while visualizing the signal change (∆F/F0) which allowed 

recording individual cells that were active during the entire observation window. These cell ROIs were 

loaded into MATLAB to generate fluorescent plots. An individual Ca 2+ signal was defined as a change in 

an ROI’s mean intensity by >1% over the span of 2 or less frames (1 second).  

 

Continuous wave trials  
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The signaling rates for baseline frames and sonication frames were calculated by counting all signals within 

those frames and dividing by the number of frames. The signaling rate represents the calcium signals per 

time and allows quantification of calcium signaling increase during sonication. We ensured that slices were 

healthy by rejecting observations with low slice activity (< 0.2 signals per frame inclusive of baseline and 

post-sonication time frames). To account for the range of number of active cells and level of spontaneous 

activity exhibited in slices, a slice was considered as responsive to US if the signal rate increased by either 

90% or 0.4 signals per frame compared to its baseline. Two metrics were used because a trial with few 

active cells and low baseline activity (~0.3 signals per frame) is unlikely to increase by 0.4 signals per 

frame, even given a response but is capable of a 90% rate increase. Conversely, a slice with many active 

cells and a high baseline activity (~1.5 signals per frame) may exhibit increases of 0.4 signals per frame 

given a response but will not increase by 90% as that would require a rate of 2.8 signals per frame.   

 

Pulsed ultrasound trials 

The trials investigating PRF differed from continuous wave trials in that they were lower duty cycle (2% 

total duty cycle and 60% burst duty cycle as opposed to 100% in continuous wave) and longer in duration 

(160s vs. 30s). A center frequency of 500 kHz and pressure of 100 kPa were used.   Both pulsed parameters 

used a slow trigger at 0.5 Hz which activated the bursts 50 times per trial. To match duty cycle while varying 

PRF, pulse length (number of cycles) and number of pulses per burst were varied. The 1500 Hz pulses used 

200 cycles per pulse (0.4 ms) and 100 pulses per burst. The 300 Hz pulses used 1000 cycles per pulse (2 

ms) and 20 pulses per burst. Firing rates were grouped into time bins with 20 s duration. To account for 

variability in spontaneous activity from trial to trial, signaling rates were offset by the first baseline bin so 

that each bin represents the change in calcium signaling rate during the trial. The change in signaling is 

reported across all trials at each time bin (figures 3.3 and 3.4). To directly compare pulsed trials to 

continuous wave trials (figure 3.2), PRF pulses were analyzed using the same criterion for success as the 

continuous wave trials (signal rate increased by either 90% or 0.4 signals per frame compared to its 
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baseline). For consistency, only the 20s of baseline prior to sonication was included, and only 24 s of 

sonication was analyzed. 24 s of sonication with the pulsed parameters corresponded to 240 kilocycles 

which made the comparison between continuous wave (250 kilocycles) and pulsed trials as equal as 

possible.  

 

TTX trials  

In tetrodotoxin (TTX) trials, the same protocol was used as in pulsed US trials, except that TTX was 

introduced into the perfusing aCSF at 0 µM, 0.5 µM, or 1.0 µM to serve as a control, or to partially or fully 

block Na2+ channels. Three minutes were allowed for the TTX to diffuse throughout the imaging chamber 

before running trials. When TTX trials were repeated in a slice, 2 minutes of rest were given between pulses 

to allow the baseline to return to normal following sonication. 

 

3.4 Results 

 

Calcium signaling increases following ultrasound  

Brain slices were sonicated with 8 continuous wave parameters with varying sonication frequency, pressure, 

and pulse length. Sample size (n) refers to number of trials where a trial comprises a baseline measurement, 

sonication measurement, and a rest period of 30s or greater. Two pulse lengths were tested for 250 kHz and 

500 kHz with a matched number of cycles. The shorter pulse was 50 kilocycles of sound which corresponds 
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to 200 ms and 100 ms for 250 kHz and 500 kHz respectively. The longer pulse was 250 kilocycles which 

is 1000 ms and 500 ms for 250 kHz and 500 kHz sound respectively. We matched the number of cycles to 

account for frequency dependent differences in thermal deposition between 250 kHz and 500 kHz. 

Continuous wave ultrasound increased calcium signaling in brain slices in 19 out of 221 total trials (8.5%) 

across 53 slices (figure 3.2A). For the continuous wave parameters examined (80 kPa & 350 kPa and 50 

kilocycles & 250 kilocycles), the response rate was less than or equal to 15%. Among these parameters, 

200 ms 350 kPa 250 kHz pulses showed the highest average response rate across all slices (5 out of 33 

trials, 15%) but this was not statistically significant compared to the other parameters. Brain slices were 

sonicated with two pulsed ultrasound parameters with duty cycle, intensity, and transmit frequency held 

constant and pulse repetition frequencies (PRF) of 1500 Hz and 300 Hz (figure 3.2B). When analyzing 

these trials using the same criteria for continuous pulses over a time frame encompassing a matched number 

of ultrasound cycles, we found that the response rate was 29% and 5% for 1500 and 300 Hz PRFs 

respectively (p = .012, Student’s t-test).  

Figure 3.2. Response rates for all investigated parameters reporting average and standard deviation 

across slices. A) 250 and 500 kHz continuous wave trials varying pressure and pulse duration. Pulse 

duration is half for 500 kHz trials because the number of pressure cycles were matched across frequency. 

B) 500 kHz pulsed ultrasound trials at 1500 Hz and 300 Hz PRFs with duty cycle, intensity, and 

frequency matched. See figure 3.3 for pulsed parameter details. kPa: kilopascals (pressure); kCyc: 

kilocycles (number of pressure cycles). * student’s paired t-test 
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Neuronal response is PRF dependent 

To investigate the effect of pulse repetition frequency (PRF) on neuronal responses, slices were sonicated 

at two PRFs with duty cycle, intensity, and transmit frequency matched (figure 3.3). We chose 1500 Hz 

PRF with 500 kHz frequency because similar parameters have elicited measurable responses in humans 

and non-human primates along with minimal induced heating (P.-F. Yang et al. 2018; Legon et al. 2014; 

Legon, Ai, et al. 2018). 300 Hz PRF has been previously reported to be less effective than 1500 Hz in mice 

(King et al. 2013) but equally effective in C. elegans (Kubanek et al. 2018). The duty cycle was 60% during 

bursts and 2% for the total sonication which includes inter-burst intervals. The total sonication time was 

100 s (50 bursts, 0.5 Hz).  1500 Hz PRF resulted in an increase in calcium signaling from the baseline 

(p=.02, student’s t-test) for the time point immediately following US onset. No timepoints from 300 Hz 

trials showed statistically significant change from baseline. At each timepoint during sonication, 1500 Hz 

Figure 3.3. Pulse repetition frequency (PRF) affects calcium signaling rates. A) US parameter details. A 

slow trigger at 0.5 Hz which fired 50 times was used for both parameters. This trigger activated the two 

PRFs shown in blue and red which varied in pulse length and number of pulses to enable matched duty 

cycle. B) Calcium signaling at two PRFs with duty cycle and power matched. Only PRF 1500 Hz in the 

time bin immediately following US onset shows significant increase from baseline signaling (*p=0.02, 

student’s paired t-Test). Data are presented as mean ± SEM. (n.s. not significant) 
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trials induced a greater change in calcium signals than 300 Hz trials. These differences were not statistically 

significant (p >= 0.13). Duty cycle, intensity, and transmit frequency were held constant because they have 

each been shown to affect US neuromodulation (Ye, Brown, and Pauly 2016; King et al. 2013; Yoon et al. 

2019).  

 

 

 

Ultrasound modulates ion channel interactions 

Application of 1 µM TTX eliminated baseline spontaneous as well as US-induced calcium mobilization 

(figure 3.4). At a reduced concentration of 0.5 µM TTX, baseline calcium signals were eliminated, but US 

induced calcium signaling. During 0.5 µM TTX tests, we measured two brain slices with 4 observations in 

each slice and two minutes of rest between trials. Increased Ca2+ signaling in the presence of 0.5 µM TTX 

only occurred during sonication and returned to baseline after sonication. As a positive control, we 

compared spontaneous baseline activity between no TTX and 0.5 µM TTX, with the expected outcome 

Figure 3.4. (A) Change in calcium signaling during ultrasound with three concentrations of the voltage-

gated sodium channel blocker, TTX. At 0.5 µM TTX, ultrasound temporarily reduces the inhibitory 

effect of TTX. (*p < 0.05, student’s paired t-test). (B) Calcium signals vs. time at 0.5 µM TTX showing 

reduction of TTX inhibition during ultrasound (n=8). All data are presented as mean +/- SEM.  
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being suppression of calcium signaling at 0.5 µM TTX. In the absence of TTX, calcium signaling during 

baseline was 1.1 signals per second compared to 0.0 signals per second for 0.5 µM TTX (p=0.0007, 

student’s t-test).  Pulsed ultrasound was associated with increased Ca2+ signaling at the 0.5 µM 

concentration of TTX that fully blocked Ca2+ signaling at baseline. 

 

USN pulses generated limited heat and displacement 

Beam maps reporting  relative acoustic intensity measured in a waterbath at the face of both reflector cones 

had uniform pressure within the microscope field of view. For continous wave pulses used in figure 3.2, 

heating from acoustic absorption was less than 1 °C at the maximum pressure and pulse duration used. For 

pulsed ultrasound, heating was less than .25 °C. There was no detectable change in image intensity due to 

displacement from the acoustic radiation force imparted on the brain slices for parameters reported in this 

study. 

 

3.5 Discussion 

 

USN has been demonstrated in multiple experimental models, but there are many confounds that can make 

interpreting experimental outcomes challenging. Our study demonstrates direct USN in a brain slice model 

using optical imaging for feedback. By using genetically targeted optical methods to image neural activity, 

our reported measurements are isolated from off-target effects or other known artifacts. We report overall 

success rates using non-thermal parameters known to elicit neuromodulation in various animal models and 

demonstrate that USN is PRF dependent and capable of modulating ion channel interactions with 

pharmacological agents. Our observations provide an important link between single cell experiments and 

work in fully intact brains. 



54 
 

 

Optical readouts avoid potential confounds 

Using optical methods to assess neural responses to ultrasound avoids potential confounds created by the 

presence of an electrode. Traditional electrophysiology is challenging in the presence of ultrasound because 

electrodes are typically small metal probes which are highly absorbing and scattering as reported by Morris 

et al (H. Morris et al. 2008). When an ultrasound pulse propagates, it generates a force that is proportional 

to the absorption (α) of the propagating medium and intensity (I) of the pulse given by: 

𝐹 =
2𝛼I

𝑐
 (3.1) 

with c as the speed of sound in the media (Nightingale 2011). At non-thermal ultrasound pressure used for 

neuromodulation, this force is on the order of µN/cm3 to mN/cm3 in brain tissue, but the addition of a highly 

absorbing and scattering electrode causes a stronger force to be imparted. The induced motion of the 

electrode would result in both viscous and absorptive heating (H. Morris et al. 2008) amplifying the 

mechanical effects of ultrasound and confounding any measurements. Electrodes can also result in standing 

pressure waves which alter the distribution of pressure and radiation force in surrounding tissue (Menz et 

al. 2019). Ultrasound-induced artifacts have also been reported in patch clamping methods using glass 

pipette electrodes due to a disruption of the connection between the tissue and probe (Tyler et al. 2008).  

Optical imaging, as used in our study, mitigates these confounds present in electrophysiology, although we 

note that radiation force interactions in the slice preparation differ from the intact brain in two main ways. 

When used at sufficient pressure, the acoustic radiation force can displace the tissue slice out of the focal 

plane, generating false positive readings. The pressures used in our study did not displace the tissue by a 

detectable amount. Acoustic streaming is the displacement of fluid in the direction of ultrasound 

propagation. In our slice preparation, which is acoustically similar to Prieto et al., acoustic streaming 

directly at the Thermanox layer would be zero and increase with increasing distance away from the 

Thermanox layer (Prieto et al. 2018). Streaming at the slice location (directly above the Thermanox) was 
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not strong enough to generate detectable displacement at pressures used in our study. However, the overall 

fluid dynamics of acoustic streaming likely differ between the brain slice and intact brain. Models of 

acoustic propagation in the brain that incorporate this effect do not exist and would improve our 

understanding of streaming in the intact brain. 

 

Optical tracers for readouts within the ultrasound pressure field remain the most non-invasive and essential 

tool for USN measurements. For this reason, Lee et. al have developed a system for optical readouts while 

sonicating co-cultured neurons and astrocytes (J. Lee et al. 2019). Other groups are using optical tracers in 

vivo including Han et al. who showed that ketamine blocks USN in in vivo cortical neuron activity using 

calcium imaging with indicator OGB-1 AM (Han et al. 2018) and Sato et al.  who used wide-field cortical 

imaging with GCaMP6s to monitor US neuromodulation in vivo but report no observation of direct US 

neuromodulation (Sato, Shapiro, and Tsao 2018). The isolated brain slice in our study targeted GCaMP6s 

in a similar manner but shows direct neuromodulation from ultrasound. 

 

Direct neuromodulation in the absence of auditory confounds 

The ability for ultrasound to elicit audible sensations in humans was reported in studies as early as 1950 

(Pumphrey, 1950).  The precise mechanism through which ultrasound activates the auditory system is not 

fully understood and is hypothesized to involve mode conversion of the ultrasonic wave into shear waves 

within the bone (Clement et al. 2004) or coupling through the cochlear fluid (Guo et al. 2018). A prior study 

in the intact mouse reported no evidence of direct stimulation with widefield calcium imaging during 

transcranial stimulation of mice expressing GCaMP6s proteins in neurons bearing the Synapsin I promoter  

(Sato, Shapiro, and Tsao 2018). We used similar genetic targeting to this prior work but observed direct 

effects that were not observed in the intact animal. We hypothesize that Sato et al. observed a combined 

effect of direct USN and auditory effects but that direct effects were either combined with auditory effects 
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or below the detection threshold of the in vivo optical system, which would primarily be sensitive to cortical 

activation in the living animal. This interpretation is consistent with in vivo studies in genetically deafened 

mice that demonstrate motor responses from transcranial ultrasound (Mohammadjavadi et al. 2019). 

 

Role of pulse repetition frequency 

Continuous and pulsed wave ultrasound have been shown to elicit a wide range of neuromodulatory effects 

in a variety of animal models (for reviews see Tufail et al. (Tufail et al. 2011) and Blackmore et al. 

(Blackmore et al. 2019)). The use of pulsed bursts in the kilohertz range generates acoustic waves capable 

of generating auditory brainstem response in mice, which can be mitigated by using smooth amplitude 

windows for the modulatory wave to reduce audible frequency components (Mohammadjavadi et al. 2019). 

The inclusion of a pulsed repetition frequency compared to continuous ultrasound was not a strong indicator 

for modulation success in a mouse study measuring motor responses to modulation of the motor cortex 

(King et al. 2013). However in c. elegans, Kubanek et al. (Kubanek et al. 2018) reported maximum 

frequency of  motor responses at PRF’s between 300 Hz and 3 kHz and 50% duty cycle using 10 MHz 

ultrasound. In a study sonicating the motor cortex of rats, Kim et al. (H. Kim et al. 2014) report that pulsed 

ultrasound elicits responses at lower acoustic intensities thresholds than continuous wave ultrasound (PRFs 

up to 2 kHz with varying duty cycle were investigated). Our results agree with these findings, as we report 

that 1500 Hz PRF low pressure, pulses with 60% intra-burst duty cycle and 2% total duty cycle is effective. 

 

It is interesting to consider the temporal aspects of tissue displacement during pulsed ultrasound. With the 

1500 Hz PRF, 200 cycle, 500 kHz, pulses used in this study, the relaxation time between single pulses is 

260 µs. Using Viscoelastic Response (VisR) imaging (Selzo and Gallippi 2013), an acoustic radiation force 

based elastography method which employs multiple displacement pulses to infer mechanical properties of 

tissue, a relaxation time of 240 µs is employed between pulses to allow for partial tissue relaxation. Their 
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model shows that tissue relaxation occurs at timescales similar to the off periods of PRFs which have 

incidentally become popular in USN. With tissue relaxation occurring in the off time of these pulses, it 

follows that tuning PRF and duty cycle is equivalent to tuning the displacement and relaxation dynamics 

of sonicated tissue. If ARF induced displacement is the predominant transduction mechanism for USN – as 

suggested in (Menz et al. 2019) – it follows that tuning the temporal displacement profile could result in 

varied response rates due to ultrasound. In our study, pulsed ultrasound at a PRF of 1500 Hz exhibited 

robust response. The mean change in calcium signals was higher in every sonication time bin compared to 

300 Hz PRF, with duty cycle and pressure held constant. The use of pulsed ultrasound enables 

neuromodulation at low duty cycles, making it a desirable candidate for in vivo applications where heating 

from absorption should be minimized.  

 

Continuous wave trials showed low response rates 

The response rates across continuous wave trials were low (<15 %) and less robust than pulsed ultrasound 

in this model. When analyzing pulsed ultrasound trials with the same protocol used for continuous wave 

pulses, the 1500 Hz PRF pulse resulted in 29% response rate at lower pressure (100 kPa in pulsed trials 

versus 350 kPa in continuous wave trials). This metric only included the 24 s following the onset of 

ultrasound in pulsed trials to keep the total amount of pressure cycles delivered comparable (250 kilocycles 

in continuous wave trials, 240 kilocycles in pulsed trials). The response rate is much lower than what is 

reported in in vivo murine models where motor responses >80% were found for very similar US parameters 

(500 kHz 80 ms pulses at 300 kPa or 2.9 W/cm^2 ISPTA) (Mohammadjavadi et al. 2019).  Factors inherent 

to our experimental design may have contributed to these low response rates. The magnitude of the calcium 

response must be high enough to distinguish spontaneous activity from US induced activity. Tissue 

scattering limits the depth of the 300 µm thick brain slice which is resolvable by the microscope, meaning 

only neurons in the top portion of the slice contribute to measured signals. The number of neurons exposed 
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to the US is inherently lower in the slice than in vivo given that the slice occupies only a small portion of 

the US focus as opposed to in vivo, where the entire sound focus may interact with a large population of 

neurons in brain tissue. A similar explanation relating exposure volume to stimulation is offered in both Ye 

et al. (Ye, Brown, and Pauly 2016) and Menz et al. (Menz et al. 2019) Furthermore, several in vivo studies 

explore higher pressure regimes for USN. In our model pulses above 350 kPa often resulted in slice motion 

which limited our ability to explore higher pressure.  

 

Inhibitory effects of low concentration TTX on calcium mobilization are temporarily reduced by 

pulsed US 

Our model demonstrated a complete blocking of baseline calcium signaling at 1uM TTX and a lack of 

response to ultrasound at that concentration. This agrees with the findings of Tyler et al. (Tyler et al. 2008) 

who showed at 0 to 100 Hz PRF, 440 kHz US that 1 µM TTX suppressed US stimulation and  Lin et al. (Z. 

Lin et al. 2018) who demonstrated inhibition in the presence of continuous wave 27 MHz US with 0.1 µM 

TTX in pyramidal cells of rat brain slices using whole-cell patch-clamp recordings. These findings suggest 

that US stimulates neurons through a transduction pathway influenced by voltage-gated Na2+
 channels. 

Voltage-gated Na2+ channel conductivity has been shown to increase with mechanical deformation (C. E. 

Morris and Juranka 2007), providing a potential mechanism for US ion channel interaction. Gaub et al. 

found that mechanical deformation of neurons with pressures greater than 6 kPa resulted in increased 

calcium signaling in cultured cortical and hippocampal mouse cells expressing GCaMP6s and suggest sub-

traumatic pressures applied to neurons evoke neuronal responses via gating of ion channels (Gaub et al. 

2020).  Unique to our results, a concentration of 0.5 µM TTX suppressed the baseline level of calcium 

signaling, but US still induced calcium mobilization. In these trials, ultrasound temporarily reduced the 

inhibitory effect of TTX. We hypothesize that ultrasound reversibly alters the inhibitory effects of TTX at 

0.5 µM with voltage-gated Na2+ channels of pyramidal cells. 
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3.6 Conclusion 

 

Pulsed ultrasound at a PRF of 1500 Hz increased calcium signaling in neurons, confirming the efficacy of 

this parameter and that low duty cycle low intensity ultrasound can be used to directly excite neurons. 

Pulsed ultrasound is more effective for USN than continuous wave ultrasound in this model. This finding 

is encouraging for transcranial applications where pulsed ultrasound is conducive for higher pressure and 

lower tissue heating. Our findings offer further insight into sodium channel involvement in US 

neuromodulation by demonstrating that US can reduce the inhibitory effect of TTX on voltage gated sodium 

channels.    
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Chapter 4 

 

Design of a 1-MHz therapeutic ultrasound array for small volume blood-brain barrier 

opening at cortical targets in macaques 

 

4.1 Abstract 

 

Focused ultrasound (FUS) can temporarily open the blood brain barrier (BBB) and increase the delivery of 

chemotherapeutics, viral vectors, and other agents to the brain parenchyma. To limit FUS BBB opening to 

a single brain region, the transcranial acoustic focus of the ultrasound transducer must not be larger than 

the region targeted. In this work, we design and characterize a therapeutic array optimized for BBB opening 

at the frontal eye field in macaques. We used 115 transcranial simulations in four macaques varying f-

number and frequency to optimize the design for focus size, transmission, and small device footprint. The 

design leverages inward steering for focus tightening, a 1 MHz transmit frequency, and can focus to a 

simulation predicted 2.5 ± 0.3 mm lateral and 9.5 ± 1.0 mm axial full-width at half maximum spot size at 

the frontal eye field without aberration correction. The array is capable of steering axially 35 mm outward, 

26 mm inward, and laterally 13 mm with > 50% the geometric focus pressure. The simulated design was 

fabricated, and we characterized the performance of the array using hydrophone beam maps in a water tank 

and through an ex vivo skull cap to compare measurements with simulation predictions. We describe a 

method for integrating the array transducer into a magnetic resonance guided FUS system with optical 

tracking validated by magnetic resonance thermometry. The transducer produced by this design process is 

optimized for BBB opening at the frontal eye field in macaques. 

*This chapter is under review and available as a preprint (T. Manuel, Phipps, and Caskey 2022) 
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4.2 Introduction 

 

The blood-brain barrier (BBB) is a selectively permeable membrane that presents an obstacle for the 

treatment of neurological disorders by keeping many therapeutic molecules from entering the brain. 

Focused ultrasound (FUS) in combination with circulating microbubbles can temporarily disrupt the BBB, 

allowing for localized delivery  of therapeutic agents which would otherwise not reach the parenchyma. 

Circulating microbubbles interacting with the acoustic focus temporarily increase the permeability of the 

BBB through a mechanical interaction (Hynynen et al. 2001). FUS BBB opening (BBBO) extends brain 

therapeutic options to include viral vectors (C.-Y. Lin et al. 2016; H. Li et al. 2021), nanoparticles (Ohta et 

al. 2020), neurotrophic factors (Samiotaki et al. 2015), antibodies (Kinoshita et al. 2006), chemotherapy 

agents (Idbaih et al. 2019), and others. Sonication parameters required for transport of molecules 2,000 kDa 

or larger may pose risk of permanent damage (H. Chen and Konofagou 2014). The safety of FUS BBB 

opening has been demonstrated in Macaques (Pouliopoulos et al. 2021; N. McDannold et al. 2012) and 

humans (Lipsman et al. 2018; Carpentier et al. 2016).  

 

FUS BBBO has transitioned from the proof-of-concept stage to deployment in studies with physiological 

indicators of success. FUS BBBO was shown in preclinical studies to enhance the concentration and effect 

of chemotherapeutics in glioblastomas (Treat et al. 2012; F.-Y. Yang et al. 2012) which propelled it to use 

in 13 clinical trials as of June 2022 (for clinical summary, see Roberts et al. 2022 (J. W. Roberts et al. 

2022)). FUS BBBO has applications beyond drug delivery. FUS BBBO can facilitate viral vector-based 

gene therapy (Thévenot et al. 2012) which has been applied in a mouse model to encode a G-protein-

coupled receptor that responds to systemically administered designer compounds providing spatiotemporal 

modulation of neural circuits (Szablowski et al. 2018). The size of the acoustic focus is a key factor in FUS 

BBBO study designs. In glioblastoma studies, large treatment volumes are needed to match the tumor size 

and often require electronic steering to cover a range of tissue. In gene-therapy studies aiming to transfect 
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a specific brain region, the ideal focal volume is small, matching the size of the targeted brain region.  

 

We set out to design a transducer with a small focal volume capable of BBBO in macaques at cortical 

targets. We specifically focused on the frontal eye field (FEF), a common candidate in research for its 

known functions in visual processing. The macaque FEF is in the frontal lobe along the anterior border of 

the arcuate fissure, corresponding to Brodmann's area 8 (Vernet et al. 2014). Relative to the approach angle 

a transducer can take relative to the skull, FEF is 1 cm in depth at its largest approach and has widths 

varying from 3 to 9 mm. Based on these values, we set a focal spot size of 3 x 10 mm (pressure, full-width 

at half-maximum) as the goal with sufficient beam steering range (± 5 mm) to span the volume of the target. 

Beam steering enables spanning the target with iterative sonications at multiple locations. 

 

Prior works have established general guidelines for therapeutic array design. Multi-element arrays were 

introduced for their steering capabilities as well as the ability to correct for skull induced aberration 

(Clement et al. 2000). Near-field pressure and secondary maxima around the focus can be reduced by 

placing elements about a spherical surface (E.S. Ebbini and Cain 1991). Trade-offs for element distribution 

are also well described. Periodic arrangement of elements results in larger grating lobes in the focal plane 

(Pernot et al. 2003; Stephens et al. 2011), which led to the adoption of random and spiral element 

distributions, both of which reduce secondary maxima. Spiral distributions provide higher coverage which 

increases focal gain (Ramaekers et al. 2017). Random arrays offer improved off-axis steering and grating 

lobe reduction if some coverage can be sacrificed. Sparse arrays offer decreased element count with 

minimal performance degradation around the natural focus but at the cost of increased near-field energy 

deposition (Ellens et al. 2011). 

 

These design works used simulations in homogenous media to outline the tradeoffs of element distribution, 

radius of curvature, aperture, and frequency on transmission, spot size, steering, and off-target pressure. 
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The performance of transducers in the skull is further complicated by absorption, reflection, and aberration 

as the sound travels through material with greatly differing acoustic impedance and absorption. 

Furthermore, a transducer’s performance will vary with targets across the brain due to skull geometry. This 

has been measured experimentally with MR-thermometry in a study evaluating the treatment envelope of 

a transducer throughout a lamb brain (Odéen et al. 2014).  

 

These effects from the skull have been incorporated into transducer design by using models of acoustic 

propagation in heterogenous media. A modified multi-layered skull ray tracing model was used to 

investigate the feasibility of transcranial passive acoustic mapping with sparse hemispherical arrays (Ryan 

M Jones, O’Reilly, and Hynynen 2013). The performance of skull-conforming arrays were compared with 

hemispherical arrays for a range of human brain targets  using a combination of ray-tracing and finite-

element modeling (Adams et al. 2021). A transducer for multiple foci in non-human primates featuring an 

imaging array insert was optimized using a k-space pseudo spectral model (Rebecca M. Jones et al. 2022).  

 

Designing a transducer for BBBO has unique physical considerations apart from arrays designed for 

thermal ablation. BBBO requires lower acoustic power than thermal ablation with in-situ pressure 

requirements below 1 MPa and at low duty cycle, 10 ms bursts (pulse repetition frequency 2 Hz or less). 

Large area, high transmit power arrays which are critical for thermal ablation are not necessary for BBBO. 

Additionally, the interaction between the therapy pulse and the circulating microbubbles is frequency 

dependent with lower frequency sound resulting in cavitation at lower pressures. 200-500 kHz sound is 

typically used for BBBO but frequencies up to 8 MHz have been shown to increase permeability in small 

animal models (Bing et al. 2009). Because the focal volume decreases with increasing frequency for a given 

transducer, we explored frequencies up to 1.5 MHz, which is higher than typically used in medium to large 

animal and human transcranial procedures. 

 

In this work we optimized a transducer design using transcranial simulations with the primary objective of 
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generating a small focus (3 x 10 mm) at the frontal eye field through the macaque skull. A second practical 

objective was to limit the size of the transducer to reduce three features: i) the required area of skull access 

in transcranial procedures where space is often limited ii) the degradation of MRI image quality due to the 

amount of transducer and coupling material present iii) inconvenience with mechanical steering due to 

transducer bulkiness. Building upon prior array design efforts, we simulated Fermat spiral arrays to improve 

coverage which reduces near-field pressure particularly with inward steering. To account for inter-subject 

variability, all candidate models were simulated through four macaque skulls. Following fabrication by a 

commercial manufacturing house, we characterized the performance of this array in a water bath and 

through an ex-vivo skull cap. 

 

4.3 Methods 

 

Study design and parameter space justification 

The transducer design was informed by acoustic simulations performed in k-Wave, a MATLAB toolbox 

(Treeby and Cox 2010). There were several initial considerations which constrained the range of transducer 

designs simulated. We bound the frequencies to be simulated between 0.2 and 1.5 MHz. Frequencies below 

0.2 MHz will produce large focus sizes and frequencies above 1.5 MHz will have lower transmission and 

increased aberration through the skull. We set the element size to 3.5 mm diameter, which was the 

maximum size that fit on all f-number models. We wanted a design suitable for small cortical targets which 

added geometric constraints. Furthermore, we sought to limit the size of our design. Large, low f-number 

arrays are expensive and can be challenging to manufacture, and their bulkiness can degrade MRI image 

quality for sensitive measurements like functional MRI and MR acoustic radiation force imaging (MR-

ARFI). Large arrays require access to more skull, which is often unavailable in research settings due to 

additional hardware on the head. With these considerations in mind, we limited simulated array geometries 
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that included f-numbers between 0.6 and 1.2 and diameters from 42 to 80 mm. We fixed the focal length at 

50 mm which was the minimum focal length to provide sufficient room between the aperture and head for 

coupling at all f-numbers considered while reaching FEF. We simulated Fermat spiral arrays to improve 

coverage and transmit power on our relatively small area array while also reducing secondary maxima and 

near-field pressure. 

 

 

Justification for simulating through multiple skulls 

The goal of simulations was to identify how transmission through the skull and focal spot size changed with 

different designs, and to identify a design which balanced tradeoffs between these metrics. Skull thickness 

and density varies on an individual basis, and we wanted to capture this in our simulations to avoid 

overfitting a design to one monkey. To accomplish this, we simulated all designs in two female and two 

male macaque subjects with average skull thicknesses ranging from 2.9 to 4.1 to mm. Figure 4.1 shows 

Figure 4.1. Comparing skull properties for the four macaques used in simulations. Properties were 

measured by analyzing skull voxels along ray paths between transducer elements and the focus for a 

transducer with 2048 elements. (Top) Thicknesses overlayed on skull surface at each ray path intersection 

for NHP # 1 and 3. (Bottom) Properties for NHP #1-4 (average across rays ± standard deviation).  
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skull properties of our subject population measured by ray tracing through the skull from elements of a 

hypothetical array. The 3D renderings illustrate the thickness at each ray intersection point to highlight 

spatial variances. The table shows average ± standard deviation values from measures combined across all 

rays.  

 

Simulation details 

We collected computed tomography (CT) scans of four macaques (0.6 x 0.6 x 0.8 mm voxels) and used 

these scans to populate simulation mediums. Speed of sound and density were computed from Hounsfield 

units (HU). First a skull mask was created by thresholding the CT image at values above 600 HU. Density 

of voxels within the skull were estimated from HU by referencing the HU of water and air (Connor, 

Clement, and Hynynen 2002; Pichardo, Sin, and Hynynen 2011) given by: 

 

𝜌 = 𝑘1𝐻𝑈 +  𝑘0  (4.1) 

𝑘1  =  
𝜌𝑤 − 𝜌𝑎𝑖𝑟

𝐻𝑤 − 𝐻𝑎𝑖𝑟
     and     𝑘0  =  

−𝜌𝑤𝐻𝑎𝑖𝑟

𝐻𝑤 − 𝐻𝑎𝑖𝑟
 (4.2)  

 

with 𝜌 as density, 𝜌𝑤 density of water, 𝜌𝑎𝑖𝑟 density of air, 𝐻𝑤 HU of water, and 𝐻𝑎𝑖𝑟 HU of air. Speed of 

sound was estimated by first estimating bone porosity 𝜑: 

 

𝜑 =  1 − 
𝐻𝑈

max(𝐻𝑈𝑣𝑜𝑙𝑢𝑚𝑒)
(4.3)  

 

and then estimating the speed of sound (Aubry et al. 2003): 

 

𝑐 =  (𝑐𝑀𝑎𝑥 −  𝑐𝑚𝑖𝑛)(1 −  𝜑 ) +  𝑐𝑚𝑖𝑛 (4.4)  
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Values used were 𝑐𝑀𝑎𝑥  3100 m/s, 𝑐𝑀𝑖𝑛 1480 m/s, 𝜌𝑤 997 kg/m3, 𝜌𝑎𝑖𝑟 1.225 kg/m3, 𝐻𝑤 0, 𝐻𝑎𝑖𝑟 -1000. To 

model absorption, a value of 0.2 dB/MHz/cm was used for all non-skull voxels and 8.1 dB/MHz/cm was 

used for skull (Pinton et al. 2012). Simulations which use phase-only abberation correction use a simulated 

time-reversal with a point target source at the transcranial target to extract phases. In the phase-extraction 

simulation, element centers are set as sensors and record the pressure time series, 𝑝(t), for the simulation. 

The phase, 𝛼, of 𝑝(t) for each element is extracted with respect to the transmit frequency 𝑓0: 

 

𝐼 = ∑ 𝑝(t)𝑐𝑜𝑠(2𝜋𝑓0𝑡) 

𝑇

0

(4.5) 

𝑄 = ∑ 𝑝(t) sin(2𝜋𝑓0𝑡)

𝑇

0

 (4.6) 

𝛼 = 𝑎𝑟𝑐𝑡𝑎𝑛 (
𝑄

𝐼
) (4.7) 

 

We do not use total time reversal (as in (Aubry et al. 2003)) because our generator is unable to produce 

arbitrary waves. We note that simulating both the inverse and forward problem with the same numerical 

model (known as inverse crime) will produce idealized focusing compared to what is achievable in practice. 

Simulations which used steering without phase correction generated phases with a Rayleigh-Sommerfeld 

inversion technique described by Ebbini and Cain (E.S. Ebbini and Cain 1989).  

 

Generating transducer models 

We developed a workflow between 3D-Slicer (http://www.slicer.org/) and MATLAB to set up simulation 

inputs for k-Wave. A custom MATLAB script was developed which creates a model of a transducer given 

the inputs of number of elements, element size, aperture, and focal length. For Fermat spiral arrays with the 

golden angle, we found the element distribution iteratively. We started by populating a sphere of radius 
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equal to the desired geometry with elements distributed along a Fermat spiral. The coordinates (𝑥, 𝑦, 𝑧) for 

this distribution were given as: 

 

𝑥 = cos(𝜃) sin(𝜙) , 𝑦 = sin(𝜃) sin(𝜙) , 𝑧 = cos(𝜙) (4.8) 

𝑤𝑖𝑡ℎ 𝜃 = 𝑚𝜋( 1 + √5 ), 𝜙 =  𝑐𝑜𝑠−1 ( 1 − (
2𝑚

𝑛
)) (4.9) 

𝑛 = 𝑛𝑜. 𝑜𝑓 𝑒𝑙𝑒𝑚𝑒𝑛𝑡𝑠, 𝑎𝑛𝑑 𝑚 = (0: 1: 𝑛 − 1) + 0.5    (4.10) 

 

We cropped the sphere of distributed points to only include a spherical cap of aperture equal to the desired 

transducer and checked the number of points which lie on this cap. By iteratively changing n until 128 

elements lie on the cap, a Fermat spiral with golden divergence angle distribution was achieved for 128 

elements across the specified aperture. 

Figure 4.2. Screenshot of 3D-Slicer used to setup k-Wave simulations and visualize results. (A, C, 

D) Root mean square pressure results from simulations overlaid on t1-weighted magnetic resonance 

images in the transverse, sagittal, and coronal planes, respectively. B) 3D models of the macaque skull 

and transducer model used to generate the k-Wave simulation input fields.  
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Generating simulation grids 

The distributions produced by these scripts were converted into 3D models using k-Wave’s makeMultiBowl 

function which outputs a binary mask of elements matching a specified diameter and facing a focal point 

which sets the radius of curvature. We then added a marker to this model at the geometric focus to aid 

visualization. We output the model from MATLAB as a NIfTI file with 0.2 mm isotropic voxels which was 

read into Slicer. This corresponds to 7.5 points per wave in water at 1 MHz which has been shown to be 

sufficient sampling in a transcranial simulation convergence test (Robertson et al. 2017). In water-only 

simulations, we used 0.25 mm isotropic voxels. By representing the transducer model as a NIfTI which 

includes metadata for size and position, the orientation of the transducer can be manipulated and saved by 

Slicer’s tools for transformation (figure 4.2B). This enabled us to visually place the transducer models at 

targets guided by CT and MRI images and align orientations to reduce angle-based reflections at the skull. 

  

 

We placed a model of the transducer such that the geometric focus was at or 10 mm beneath the frontal eye 

Figure 4.3. Peak negative pressure slopes extracted from a linear fit of pressure to generator output 

for all steering points collected (interpolated to 0.1 mm step sizes). Because the array steering is 

radially symmetric, steering points along multiple lateral dimensions can be mapped to this plane by 

converting to radial distance. Slope has units of MPa/V. 
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field depending on the simulation and that the angle of the transducer axis was approximately normal to the 

skull surface. The FEF is irregularly shaped and cannot be spanned by a single acoustic focus. We used the 

portion of the FEF which has the longest vertical extent as our target because this portion of the FEF most 

matches an acoustic focus (ellipsoid).  We manually registered the four NHP skulls to each other using 3D-

Slicer’s transform module and emphasized that the portions of the skull nearest to FEF were closely aligned. 

This was important because the four skulls have different sizes and shapes and so rigid registration of the 

entire skull results in areas with large differences. With the skulls co-registered, the same transducer 

orientation could be simulated across all skulls. Furthermore, different transducer geometries could be 

placed at the same orientation to ensure that the comparison in performance was not affected by differences 

in the angle or location of the transducer relative to the skulls. Generation of the simulation grid is achieved 

by using Slicer’s resampleImage module. By resampling the CT data with the transducer model, a CT image 

is created in the simulation space which is sampled identically with the transducer model and serves as the 

simulation grid. For inward steering simulations, the transducer model is translated 1 cm along its z axis 

prior to generating the simulation grid. The Slicer and k-Wave workflow also works in reverse, enabling 

the visualization of pressure fields output by k-Wave within Slicer overlaid on CT and MRI as in figure 

4.2. Focal volumes are computed as the volume of an ellipsoid with axis lengths equal to the axial and 

lateral FWHM of the pressure field (root mean square pressure). 

 

Hydrophone measurements 

Beam maps of the acoustic field were collected as a raster scan using a 3-axis motor stage (Image Guided 

Therapy- Pessac, France) at 0.2 mm lateral and 0.5 mm axial steps. Degassed water tank beam maps were 

performed using a ceramic needle hydrophone (HNC 0400, Onda Corp., Sunnyvale CA). The hydrophone 

signals were read by a digital oscilloscope (Picoscope, Allied Electronics, Midrand, South Africa). An 

optical hydrophone (136–10 T and 132–03, Precision Acoustics Ltd., Dorchester, Dorset, UK) was used for 

high pressure measurements to avoid damage to the ceramic hydrophone.  
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For transcranial beam maps, a macaque skull cap which included the region of skull over the FEF was 

degassed in water for 20 hours at -95 kPa using a vacuum chamber (Abbess Instruments, Holliston, MA, 

USA) and then placed in a tank of degassed water for measurements. The skull was oriented such that the 

steered acoustic focus was roughly at the FEF, except 5 mm deeper to prevent hydrophone damage from 

contact with the skull. Phases for aberration correction were computed by sequentially driving individual 

transducer elements at maximum power with 40 us pulses while recording the pressure at the target using 

a ceramic needle hydrophone. For each element, 15 acquisitions were acquired, and the arrival time relative 

to time zero (trigger) was averaged across runs. Relative arrival times were converted to phase which were 

used to offset waveforms in the phase-correction measurements. 

 

Pressure calibration for steered sonications 

We calibrated the pressure output of the transducer as a function of steering when powered by a 10 watt per 

channel 128 channel generator (Image Guided Therapy- Pessac, France). An optical hydrophone (136–10 T 

and 132–03, Precision Acoustics Ltd., Dorchester, Dorset, UK) was used for pressure measurements. The 

hydrophone was mounted to a 3-axis stage. Measurements were made sampling a 2-D plane at 5 mm 

increments for points ranging from -20 to +15 mm axially and 0 to 15 mm laterally. At each point, we 

implemented a power ramp using 75 us pulses starting from the lowest generator output until a mechanical 

index of 4 was reached at the hydrophone. We then extracted the peak negative pressure (PNP) from each 

sample. Next, we performed a linear fit between the generator output value and the PNP for each steering 

coordinate (figure 4.3). This provided a calibration between generator output and PNP as a function of 

radial steering and axial steering. Because electronic steering of the array is radially symmetric, steering 

along multiple lateral dimensions can be mapped to this plane by converting the lateral values to a radial 

quantity. We up sampled the plane with B-spline interpolation to have 0.1 mm step sizes. This plane was 

used as a look-up table in a script with desired pressure and steering coordinate as inputs and generator 
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value as output. At the geometric focus, the transducer produces 0.52 MPa peak negative pressure (PNP) 

per volt (peak positive voltage). Our generator outputs a maximum peak positive voltage of 33 V.  

 

4.4 Results 

 

Inward steering reduces focal volume 

Inward electronic steering reduced the focal volume of a transducer model in all transcranial simulations 

targeting frontal eye field (FEF) when compared with placing the geometric focus at the FEF (figure 4.4). 

With the geometric focus placed at the FEF, the focal volume was 51.4 ± 19.1 mm3, and the spot size was 

2.8 ± 0.4 mm lateral and 12.9 ± 1.1 mm axial full width at half-maximum (FWHM). With the geometric 

focus placed 10 mm past the FEF and the focus steered inward 10 mm, the focal volume reduced to 29.7 

±8.1 mm3 (2.5 ± 0.3 mm lateral and 9.5 ± 1.0 mm axial FWHM). Both the reduction in axial spot size 

(p=.0076) and focal volume (p=.0435) were statistically significant (single tail student’s t-test). With phase 

correction added to the inward steering condition, the focal volume further reduced to 14.4 ± 2.9 mm3 (1.9 

± 0.1 mm lateral and 8.0 ± 1.1 mm axial FWHM). Lateral spot sizes reported are the average of two 

orthogonal measurements. Comparable focal transmission was observed between the geometric focus case, 

29 ± 9%, and the inward steered case, 27 ± 6% (p=.1136). Phase correction increased transmission to 34 ± 

8%. Focal offset from the selected target was 0.8 ± 0.2 mm and 0.7 ± 0.1 mm for inward steering and 

geometric groups, respectively (p=0.26, single tail student’s t-test). With phase correction applied, focal 

offset was 0.3 ± 0.3 mm which is less than both the inward steering (p=0.01) and the geometric groups 
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(p=0.04). 

 

 

Frequency simulations 

To investigate transmit frequency, we first set the radius of curvature (ROC) at 50 mm which worked well 

with our target depth, inward steering plan, and coupling space requirements set by the presence of muscle 

outside the skull (FEF is 4-10mm beyond the skull). We simulated transducer frequencies varying from 

0.25 to 1.5 MHz (figure 4.5A) using CTs from 4 NHPs with a transducer of geometric f-number equal to 

0.9. As expected, transmission, focal volume, and axial spot size reduced with increased frequency. 

Figure 4.4. Transcranial simulation results in four macaques comparing no steering, steering inward 

10 mm, and steering inward + phase correction.  A) Axial and lateral spot sizes, focal volume, and 

transmission for the three conditions. B) Cropped pressure maps from simulations for the three 

conditions. * p<.05 (paired, single-tailed student’s t-test).  
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Aberration correction was required to maintain good transmission at frequencies higher than 1 MHz, and 

spot size improvements beyond 1 MHz were marginal. 1 MHz achieved our axial spot size goal (< 10 mm). 

The gains of aberration correction can be difficult to actualize in all experimental scenarios, so our 

optimization is guided by simulation without aberration correction, and we report the volumes of aberration 

corrected foci to provide information on theoretical performance.  The simulated transmission at 1 MHz 

was 27 ± 6 % with steering only and 34 ± 7% when aberration correction was applied.  

 

 

Figure 4.5. Transcranial simulation results in four macaques with the transducer steered inwards 1 

cm. A) Transmission, focus volume, and axial spot size for f-numbers ranging from 0.6 to 1.2 

simulated at 1 MHz. Diameter was varied and focal length was constant (5 cm). B) Transmission, 

axial spot size, and focal volume for frequencies ranging from 0.25 to 1.5 MHz. Transmission is 

percent pressure compared to free field performance. Error bars show standard deviation across 

macaques (n=4 per datapoint). Light lines show performance using phase-only abberation 

correction. Dark lines are without aberration correction. * Selected design 
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F-number simulations 

With the center frequency of 1 MHz chosen based on transmission with a single geometry, we then 

simulated transducers with geometric f-numbers from 0.6 to 1.2 and measured the transmission, focal 

volume, and axial spot size (figure 4.5B). Higher f-numbers demonstrated better transmission but with 

larger axial spot sizes and focal volume. The 0.9 f-number model achieved our axial spot size goal (<10 

mm). Improvements in axial spot size were marginal at lower f-numbers without aberration correction 

compared to reduction in transmission so we chose a f-number of 0.9 to compromise between axial spot 

size and transmission. Furthermore, choosing a lower f-number would increase the area of skull required 

for sonications and the size of the transducer.  

 

 

 

Figure 4.6. Rendering showing element locations and arrangement for final design. There are 128 

transmit (purple) and 1 receive element (orange). Scale bar 1 cm. A) Top-down view B) Side view + 10 

degrees of tilt.                              
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Final design 

With these simulation results in mind, we generated a final transducer design which allowed space for the 

passive cavitation element and room around the outer transmit elements for manufacturing. The final design 

was a 1 MHz transducer with a total diameter of 58 mm, a focal length of 53.2 mm (f-number as 0.92) and 

128 transmit elements with 3.5 mm diameters distributed along a Fermat spiral (figure 4.6). The minimum 

distance between any two elements was 0.2 mm. The true active aperture of the transducer (maximum 

distance between outer element edges) was 54.1 mm. The coverage of the transducer is 50.1% computed 

as the percentage surface area of the transmit elements divided by the surface area of a spherical cap with 

aperture diameter 54.1 mm and radius 53.2 mm. The central passive cavitation detection (PCD) element 

has an active diameter of 3.5 mm and required a total diameter of 7.5 mm for manufacturing. Its receive 

sensitivity is centered on the second harmonic (2 MHz). The PCD will be used for cavitation monitoring. 

Simulations predicted the transducer would achieve a transcranial focal volume of 30 ± 8 mm3, transmission 

of 27 ± 6 %, axial spot size of 9.5 ± 1.0 mm, and lateral spot size of 2.5 ± 0.3 mm with 10 mm inward 

steering without aberration correction. With aberration correction and inward steering, simulations predict 

Figure 4.7. Comparing simulated focus with measured focus. Top row) measured focus. Bottom row) 

simulated focus. Color bar: P
rms

 (normalized). 
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a transcranial focal volume of 14.4 ± 2.9 mm3, transmission of 34 ± 7%, axial spot size of 8.0 ± 1.0 mm, 

and lateral spot size of 1.9 ± 0.1 mm. These values are within our design goal of 3.0 x 10.0 mm derived 

from the dimensions of macaque FEF. The transducer was fabricated by Imasonic (Besancon, France) to 

our specifications. 

 

Beam maps with free field steering 

We measured and compared the performance of the transducer in water to our simulations. The measured 

spot size at the geometric focus was 2.2 x 2.0 x 13.5 mm which was similar to the simulated spot size (2.3 

x 2.3 x 13.3 mm) (figure 4.7). We collected axial steering and lateral steering beam maps at steering 

increments of 10 mm (axial) and 5 mm (lateral) (figure 4.8). The transducer is capable of steering laterally 

Figure 4.8. Measured and simulated electronic steering performance of the array A) Simulation and 

hydrophone axial line plots through focus steered -1 to 2 cm axially at 10 mm increments (maximum 

pressure) B) Simulation and hydrophone lateral line plots through focus steered laterally at 5 mm 

increments (maximum pressure) C) Measured focus pressure contours for the geometric focus (left) 

compared to the steered inward focus (right) (p
rms

). Contours are at 50%, 75%, and 90% the focus 

maximum. 
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± 13 mm, axially outward 35 mm and inward 26 mm with <50% pressure reduction. The measured steering 

shows the same trends in spot size and pressure with steering but with some magnitude difference. We 

compared the steering performance of the transducer with simulations and confirm that the spot size reduced 

with inward steering. With inward steering 16.0 mm, the measured spot size reduces to 1.6 x 1.6 x 7.5 mm 

(figure 4.8C).  

 

Transcranial evaluation 

To evaluate the performance of the transducer through macaque skull, we performed beam maps behind a 

macaque skull cap with 0.2 mm lateral samples and 0.5 mm axial samples using a ceramic hydrophone. We 

compared pressure fields for three cases: i) no skull, steered inward ii) with skull steered inward iii) with 

skull phase corrected at inward steered target. Beam maps in figure 4.9 show the results. The spot size in 

the free field with 10.0 mm inward steering is 1.6 mm by 9.5 mm. The transcranial spot size without phase 

correction was 1.6 mm by 10.5 mm with a transmission of 32 %. The aberration corrected spot size was 1.8 

mm by 9.5 mm with a transmission of 37 %. The presence of the skull shifted the maximum of the focus 

away from the transducer compared to the free field focus by 1.0 mm. Phase correction returned the 

maximum of the focus to the same location as free field.  

Figure 4.9. Measured beam maps for free field focus, transcranial focus, and transcranial focus with 

aberration correction. Measurements performed through ex-vivo macaque skull fragment. Color bars 

show prms in kPa. The skull surface is at 13 mm in the beam map coordinates. 



79 
 

 

4.5 Discussion 

In many transcranial FUS applications such as BBBO or neuromodulation, control of the spatial extent of 

the ultrasound focus is desirable to avoid therapeutic effects at off target sites. Small cortical brain regions 

near the skull are especially challenging to sonicate with high precision and require small focusing 

transducers able to focus just beneath the skull and with sufficient steering to facilitate neuronavigation. To 

address these challenges, we designed and tested a transducer in the Macaque which can achieve target 

specificity in BBBO procedures at the frontal eye field. 

 

We applied transcranial simulations in four macaques across 6 frequencies and 7 transducer f-numbers with 

and without aberration correction to identify a design which met our criterion of localizing the focus to the 

frontal eye field. We found that to achieve small focal volume, higher transmit frequencies were required 

than the typical range used in transcranial procedures for humans and large animals, leading us to choose 1 

MHz. This design choice comes at the costs of decreased transmission (26.6 ± 5.7 % predicted by 

simulations), higher pressure required for BBBO (Nathan McDannold, Vykhodtseva, and Hynynen 2008a), 

and may reduce SNR in cavitation monitoring scenarios due to frequency dependent attenuation of 

harmonic signals. However, adequate transcranial focusing with 1 MHz therapeutic array has been 

demonstrated in human cadavers (Marsac et al. 2012).  

 

Our simulations show that lower f-numbers have smaller transcranial spot sizes but at the cost of increasing 

aperture size and lower transmission. For the FEF, reduced f-number designs required larger apertures to 

provide space for coupling due to muscle outside the skull in macaques. We sought to find a small 

transducer design to lower manufacturing cost and complexity, reduce MRI artifacts, and reduce the skull 

area required for therapies. For this reason, we gravitated towards f-number above 0.6.  For reference, when 
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targeting the FEF with our f-number 0.9 design, the acoustic path intersects a portion of skull roughly equal 

to a disc with a 12-mm diameter which is sufficiently small to integrate into typical macaque procedures.  

 

We found that inward electronic steering reduced focal volume without requiring a larger aperture or 

reducing transmission. Inward steering 10 mm decreased the simulated axial spot size from 12.8 mm to 9.5 

mm and steering 16 mm reduced it further to 7.5 mm bringing the focus size within the range of many 

macaque cortical targets including FEF, our target of interest. Although inward steering of phased arrays 

can increase near-field pressure in some scenarios (Payne et al. 2011), we did not observe large pressure 

increases outside the skull in our studies. With inward steering, the pressure in an 8-mm cube above the 

skull was 27 ± 5% the pressure at the transcranial focus (n=4). Without inwards steering, the pressure above 

the skull was 27 ± 8% the pressure at the transcranial focus (n=4). Macaques have muscle above the skull 

and pose risks of bubble-induced bioeffects in muscle tissue at mechanical indexes above 0.4 in the presence 

of contrast agents (ter Haar 2009). Limiting the pressure above the skull to much less than the focal pressure 

is important to prevent vascular damage during BBBO therapies. 

 

Simulations helped identify complex acoustic interactions at the skull that highlight important factors to 

consider when targeting small brain regions. Simulations predicted a shift in the focus away from the 

transducer in transcranial settings with pre-focal steering, which was corroborated by our ex-vivo skull cap 

beam maps. We have measured in prior works that the focus shifts towards the skull when no electronic 

steering is applied (Vandiver Chaplin, Phipps, and Caskey 2018; Kusunose et al. 2021). Simulations also 

predicted aberration correction in vivo can reduce the focal volume for the selected transducer from 57 ± 

35 mm3 to 15 ± 6 mm3. In practice aberration correction is difficult to implement into FUS procedures using 

optical tracking in macaques. Computing effective phases and amplitudes for correction requires accurate 

estimation of the transducer’s location relative to the skull as well as accurate modeling of the skull, muscle, 

skin and brain between the transducer and target. Measuring the in vivo improvements from aberration 

correction to develop and validate the correction pipeline is also difficult given that the spatial resolution 
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of our MR-ARFI sequence (2x2x4 mm) is close to the spot size of the transducer and that the sequence’s 

noise levels are close to the amount of displacement increase expected with perfect aberration correction.  

 

Our hydrophone-based aberration correction is implemented differently than in our simulations for practical 

reasons. In simulation we place a 1 voxel point source at the target of interest and propagate it out to all 

elements at once to capture the phase of arriving sound at each element. This allows the information needed 

to be attained in a single simulation and is possible because the transducer elements can be modeled as 

sensors. In the physical experiment, we placed a hydrophone at the target and received signal from each 

element transmitted in isolation. This allows us to attain similar element-wise phase information while 

using our array and generator in transmit mode as they were designed to be used. Unlike in simulations 

where simulating 128 transmit channels in separate simulations would be computationally expensive, 

capturing 128 physical transmit events at a hydrophone takes little time. It is known that cross talk between 

elements may alter the true phase of signals emitted from elements driven concurrently with nearby 

elements of different phase (Martin, Roberts, and Treeby 2021). This may reduce the performance of this 

hydrophone based abberation correction technique as well as electronic steering. 

 

The transducer in this work was optimized for small volume opening in macaques and is likely not well 

suited for humans due to skull differences and target depths. However, this design approach based on 

transcranial simulations in multiple subjects varying transducer geometry and frequency at a specific target 

could be applied across species and targets to evaluate transducer options for other cases. There have been 

transducers designed for BBBO in humans which relied on building multiple versions (Liu et al. 2008) and 

testing at a range of frequencies (Liu et al. 2014) to evaluate design options. Undertakings such as these 

could benefit from incorporating transcranial simulations as done in this work and others (Adams et al. 

2021; Ryan M Jones, O’Reilly, and Hynynen 2013; Rebecca M. Jones et al. 2022). 
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Further work is needed to evaluate the effectiveness of the design choices made for the central receive 

element (2 MHz peak sensitivity). Both the lower subharmonic (O’Reilly and Hynynen 2012) and higher 

harmonics and ultra-harmonics (H. Chen and Konofagou 2014; N. McDannold et al. 2012) are useful for 

cavitation monitoring. The ideal sensor would have high sensitivity at both the half harmonic and higher 

harmonics while also having low sensitivity at the transmit frequency to improve sampling resolution for 

cavitation signals which are lower in amplitude than reflections of the transmitted sound. In practice, this 

is unachievable for single piezoelectric sensors and is part of the motivation behind a multi-frequency array 

for BBBO which used elements centered at three separate frequencies (Deng et al. 2016). We chose to 

center our receive element on 2 MHz operating on the assumptions that i) its bandwidth would sufficiently 

capture 0.5 MHz as well as harmonics up to 3 MHz ii) pre-bubble baseline subtraction would be sufficient 

for isolation of cavitation signals of interest. Apart from reflection of 1 MHz sound, there is also concern 

of direct coupling across the face of the transducer from transmit elements into the receive element which 

adds to the 1 MHz signal for receive events concurrent with transmission events. Other groups have adopted 

separate receive transducers for passive cavitation detection which avoid direct coupling and allow for 

orthogonal skull placement (often at the temporal bone window) to improve cavitation signal sensitivity 

which is omnidirectional (N. McDannold et al. 2012). Dedicating a high number of receive elements across 

the aperture is another approach which has the added benefit of enabling passive acoustic mapping which 

provides spatial and temporal cavitation feedback (Ryan M. Jones et al. 2018; Deng et al. 2016). 

Nevertheless, embedding a central receive element is a common and proven approach (H. Chen and 

Konofagou 2014; Pouliopoulos et al. 2021; O’Reilly and Hynynen 2012; Pascal et al. 2020; H. A. 

Kamimura et al. 2019). 

 

The transducer developed here is ideal for BBBO applications and specifically will be used in for local 

gene-therapy at the frontal eye field in macaques for acoustically targeted chemogenetics (H. Li et al. 2021; 

Szablowski et al. 2018). Simulations and measurements suggest the transducer will have sufficiently small 

focal volume to largely limit BBBO to the frontal-eye field. BBB opening volume is dictated by additional 
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factors beyond focal volume including the acoustic pressure and vascular properties of the targeted tissue. 

Precise targeting and pressure control will be required to limit opening to the FEF. Given that the skull over 

the FEF is thicker than most other skull areas (Fig. 1), it is likely that the transducer will perform similarly 

or better at other cortical targets. However, at targets too deep to be reached while steering inward, 

simulations suggest the spot size may be larger. Upon validating our targeting approach, cavitation 

monitoring software, and ability to safely open the BBB, we will deploy the system for transcranial gene 

therapy. 

 

 

4.6 Conclusion 

Small volume blood brain barrier opening is critical for study designs requiring target specificity such as 

gene therapy in the frontal eye field. In this work, we designed a small aperture phased array optimized for 

BBBO localized at the frontal eye field in macaques. The optimal design was fabricated, evaluated in a 

water tank, and shown to focus sufficiently well through a macaque skull cap. The transducer produced by 

this work will facilitate localized transcranial gene-therapy at the frontal eye field. 

 

 

4.7 Supplementary materials 

Integrating into optical tracking for image-guided FUS therapy 

We 3D printed (Stratasys, Rehovot, Israel) a transducer case to facilitate coupling for transcranial 

procedures (figure 4.S1). The case has an outer diameter of 102 mm. Two outer grooves made for 4 mm n-

buna O-rings seal a latex membrane which serves as a water bag for coupling. Two inner grooves made for 

.103” n-buna O-rings provide a seal at the outer housing of the transducer. The transducer slides into the 
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case to form a seal. The water bag is serviced by inflow and outflow tubes which attach to printed ports 

(3.3 mm ID, 5.1 mm OD) and provide flow between the inner and outer seal points. Figure 4.S1B shows 

the transducer with the case on and filled with water. 

 

We fabricated a backplate which mounts to a stereotactic frame via a 12.7 mm inner diameter hole (figure 

4.S1A). The backplate also adapts to a passive tracking tool compatible with an NDI Polaris Vicra tracking 

system (Northern Digital Inc, Waterloo, Canada). The backplate was fabricated with a combination of 3D 

printing, laser cutting, and machining. The optical tracking piece is 3D printed with male Lego ports. We 

use Lego ports because axle Lego pieces snap into tracking spheres provided by NDI. Our optical tracking 

methods were described in detail previously (V. Chaplin et al. 2019). 

 

Figure 4.S1. Transducer case and tracker fabrication. A) Assembled case, transducer, backplate, and 

optical tracking tool. B) Transducer case and transducer with filled water coupling bag and O-rings. C) 

Solidworks drawing of transducer case with sliced view to reveal inner O-rings and interior tubes for 

water flow. 
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Optical tracking calibration 

A transducer tracker file was generated using NDI’s NDI 6D Architect program. In addition to tracking the 

tool itself, we needed to track the location of the acoustic focus relative to the tool. To measure the transform 

between the tracker orientation and acoustic focus orientation, we performed a water tank experiment while 

using optical tracking to track the transducer tracker and a hydrophone (figure 4.S2). The hydrophone was 

tracked by fixing a tracker tool to an arm holding the hydrophone. The tip of the hydrophone can be tracked 

by performing a pivot test about the tip of the hydrophone while recording tracking data with NDI Track 

software. To avoid damaging the hydrophone, we replaced it with a brass replica during the pivot test. 

Although placing the tracked hydrophone tip at the acoustic focus allows us to directly compute the vector 

between the transducer tracker to the focus, it is desirable to also solve for the rotation angles of the tracker 

relative to the transducer so the transducer’s electronic steering coordinates can be addressed based on the 

optical tracker location. To acquire data required to solve for the translation and rotation, we steered the 

focus to a grid of points spanning ± 1 cm in all dimensions at 1 cm increments. At each point, we moved 

Figure 4.S2. Finding the transformation between the transducer tracker and transducer steering 

coordinates. A) experimental setup. The transducer is coupled to a water tank while being optically 

tracked. The hydrophone is also optically tracked. B) Measured hydrophone locations while steering 

the focus compared to known steering coordinates. Registration of these sets calculates the desired 

transformation. 
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the tracked hydrophone tip to the focus in the water bath and collected a tracking point. This provides a 

grid of points at the focus with tracking coordinates relative to the transducer tracker and a grid of 

corresponding coordinates in transducer steering space. These two sets were registered (Fitzpatrick, West, 

and Maurer 1998) in MATLAB to output a transform which goes from transducer tracker to ultrasound 

coordinate space with (0,0,0) at the geometric focus of the transducer.  
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Chapter 5 

 

Small volume blood-brain barrier opening in macaques with a 1 MHz phased array 

 

5.1 Abstract 

 

Focused ultrasound blood-brain barrier (BBB) opening is a promising tool for targeted delivery of 

therapeutics into the brain. The volume of opening determines the extent of therapeutic administration and 

sets a lower bound on the size of targets which can be selectively treated. Here, we tested a custom 1 MHz 

array transducer optimized for cortical regions in the macaque brain with the goal of achieving small volume 

openings. We integrated this device into a magnetic resonance guided focused ultrasound system and 

demonstrated twelve instances of small volume BBB opening with average opening volumes of 59 ±37 

mm3 and 184 ±82 mm3 in cortical and subcortical targets respectively. We developed real-time cavitation 

monitoring using a passive cavitation detector embedded in the array and characterized its performance on 

a bench-top flow phantom mimicking transcranial BBB opening procedures. We collected cavitation 

monitoring during in-vivo procedures and compared cavitation metrics against opening volumes and safety 

outcomes measured with FLAIR and susceptibility weighted imaging. Our findings show BBB opening at 

smaller volumes than previously reported in macaques and characterize the safe pressure range for 1 MHz 

BBB opening.  This system enables BBB opening for drug delivery and gene therapy to be limited to more 

specific brain regions.  
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5.2 Introduction 

 

A physiological barrier exists between the parenchyma and vasculature of the brain, blocking the transport 

of pathogens, neurotoxic plasma components, and blood cells (Sweeney et al. 2019). Vessels in the brain 

develop a continuous endothelial cell membrane sealed by tight junction structures and highly selective 

transport systems which account for this blood-brain barrier (BBB) (Armulik et al. 2010). While critical for 

regulating transport between the brain and the broader circulatory system, the BBB creates a major hurdle 

in the treatment of neurological disorders (Abbott 2005). Any candidate therapeutic agent faces the issue 

of low transport into the brain unless smaller than 400 Da and forming fewer than 8 hydrogen bonds 

(Pardridge 2012). These chemical properties exclude most small molecule drugs and all large molecule 

drugs with some exceptions such as receptor-mediated (Lajoie and Shusta 2015) and Trojan horse 

(Pardridge 2006) vehicles, or vasodilation induced by mannitol infusion (Rapoport 2000). These obstacles 

remain barriers in the treatment of Alzheimer’s disease, Parkinson’s disease, glioblastoma, and other 

neurological disorders.   

 

Focused ultrasound (FUS) in combination with microbubbles can reversibly open the BBB noninvasively 

in focal brain locations and has been explored for many applications where localized drug delivery is 

desired. Circulating microbubbles interacting with the acoustic focus temporarily increase the permeability 

of the BBB through a mechanical interaction (Hynynen et al. 2001). FUS BBB opening is sufficient for 

transport of 70 kDa molecules (Choi et al. 2010) and magnetic resonance contrast agents of hydrodynamic 

diameters up to 65 nm (Marty et al. 2012). This opening size extends brain therapeutic options to include 

viral vectors (C.-Y. Lin et al. 2016)(H. Li et al. 2021), nanoparticles (Ohta et al. 2020), neurotrophic factors 

(Samiotaki et al. 2015), and antibodies (Kinoshita et al. 2006). Transport of even larger molecules (2,000 

kDa) has been achieved but may pose risk of permanent damage (H. Chen and Konofagou 2014). Safety 

can be improved by monitoring bubble activity during application of therapy (O’Reilly and Hynynen 2012). 
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Safe FUS BBB opening without edema or hemorrhage has been demonstrated in Macaques (Pouliopoulos 

et al. 2021) (N. McDannold et al. 2012) and humans (Lipsman et al. 2018) (Carpentier et al. 2016). Edema 

has been reported at lower pressures than what cause red blood cell extravasation, but typically resolves 

within one week (Downs, Buch, Sierra, et al. 2015; Downs, Buch, Karakatsani, et al. 2015).  

 

Effective and safe BBB opening requires accurate in situ pressure estimation This is challenging in 

transcranial macaque procedures where pressure delivery varies across targets and skull incidence angle at 

magnitudes affecting BBB opening outcomes (M. E. M. Karakatsani et al. 2017). Most studies have used 

cavitation monitoring for in situ pressure feedback after it was shown that incorporating harmonic and 

broadband signatures can reduce the occurrence of hemorrhage and edema in rats (O’Reilly and Hynynen 

2012). However, cavitation monitoring is increasingly difficult with increasing skull attenuation, and 

attenuation is higher at 1 MHz through macaque and human skulls (S.-Y. Wu et al. 2014). Inspired by prior 

work focused on skull effects, we adopted a cavitation monitoring strategy which captures baseline spectra 

for all candidate amplitudes prior to therapy (H. A. Kamimura et al. 2019). This provides a mean to 

adaptively change pressure during therapies based on spectral content while removing the effects of 

reflected sound with changing transmit amplitude. During all therapies, we plotted stable and inertial 

cavitation metrics as done in similar systems along with an updating spectrogram and line plot of the latest 

spectrum (Marquet et al. 2014; Pouliopoulos et al. 2021; Chien et al. 2021; Novell et al. 2020).  

 

In glioblastoma treatment, large opening volumes on the order of 1-2 cm3 are desirable to match tumor size 

(Idbaih et al. 2019). However other applications require small opening volumes to match the anatomical 

target’s size. The transducer tested in this work is designed for gene therapy at the frontal-eye field (FEF) 

and benefits from restricting the gene delivery to the FEF alone. The macaque FEF is approximately 10 

mm in depth at its largest cross-section, 3 to 9 mm wide and has a total volume of 211 mm3 (Jung et al. 
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2021).  Most BBB openings demonstrated in macaques have used single element transducers ranging from 

200 to 500 kHz which are well suited for transmission through the skull but have spot sizes much larger 

than the FEF. The transducer in this study has a higher central frequency of 1 MHz and a spot size of 1.9 x 

1.9 x 9.5 mm in free field when steered inward 10 mm making it well suited for this target. We describe the 

design and characterization of this transducer in a prior publication (T. Manuel, Phipps, and Caskey 2022). 

 

The goal of this work is to investigate the capabilities of a transducer optimized for small volume BBB 

opening in macaques, including developing cavitation-based feedback to identify the pressure range which 

opens the BBB without causing edema or hemorrhage. We characterize the performance of a cavitation 

monitoring system in in vivo and benchtop scenarios, and then applied the system to open the macaque 

BBB and quantify the opening volumes achievable at different cortical and subcortical targets, including 

the FEF. Our study is the first to characterize ultrasound-based BBB opening with 1 MHz through intact 

macaque skulls at cortical and subcortical targets, outlining a safe pressure range and highlighting 

challenges with cavitation monitoring through the skull at high frequencies. 

 

5.3 Methods  

 

Transducer specifications 

A custom built 1 MHz array (focal length 53.2 mm, diameter 58 mm) was used for therapies (Imasonic, 

Besancon, France). . The transducer is a 1 MHz array with a total diameter of 58 mm, a focal length of 53.2 

mm (f-number as 0.92), and 128 3.5 mm diameter transmit elements distributed along a Fermat spiral. The 

transducer features one central receive element for cavitation monitoring with peak sensitivity at 2 MHz 

and an active diameter of 3.5 mm. The transducer’s spot size is 2.2 x 2.0 x 13.5 mm (31 mm3). The spot 

size decreases with steering towards the transducer. All cortical targets leverage this to reduce opening 
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volume, using an inward steering of 10 mm. At 10 mm, the spot size reduces to 1.9 x 1.9 x 9.5 mm (17.95 

mm3) in free field. We expect the focus to broaden due to aberration in in vivo procedures. Simulations 

predict a transcranial spot size of 2.5 ±0.3 mm lateral and 9.5 ±1.0 axial (30 ±8 mm3) with conditions used 

during our cortical therapies (10 mm inward steering and no aberration correction). Transcranial 

transmission to the frontal eye field was 27 ±6% in simulations. 

We 3D printed a custom transducer cone (Stratasys, Rehovot, Israel) which paired with a latex membrane 

bound by rubber o-rings and a degassing circuit to provide coupling to the head during procedures. This 

setup is described in more detail in the transducer design paper (T. Manuel, Phipps, and Caskey 2022). The 

transducer was powered by a 10 watt per channel, 128 channel generator (Image Guided Therapy- Pessac, 

France) which was impedance matched to the transducer via matching network. 

 

Animal protocol 

The ultrasound procedures were performed in two adult macaques (one male, one female) with a minimum 

of two weeks between sessions in the same macaque. 5 scan days with 12 total therapy attempts were 

performed with no more than 3 therapies in a single day. During procedures animals were initially 

anesthetized with ketamine hydrochloride (10 mg/kg) and then anesthetized with isoflurane (1.0-1.5%) 

delivered over medical air. Medical air was used over oxygen delivery because oxygen has been shown to 

reduce the half-life of circulating microbubbles compared to medical air (Mullin et al. 2011). 2.5% dextrose 

in saline solution was infused intravenously (3 ml/kg/h) to prevent dehydration. Artificial ventilation was 

used during the procedure. Animals were placed in a custom stereotaxis frame with ear bars, eye, and 

mouthpieces to secure the head (Figure 5.1). A circulating water blanket informed by a rectal temperature 

probe was used to maintain body heat between 37.5°C and 38.5°C. Respiration pattern, heart rate, end-tidal 

CO2 (24-32 mmHg; SurgiVet), and peripheral capillary oxygen saturation (SpO2; Nonin) were monitored 

and maintained during the procedure. All procedures were conducted in accordance with National Institutes 
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of Health guidelines and were approved by the Institutional Animal Care and Use Committee of Vanderbilt 

University. All macaques were imaged using two surface coils placed on opposite sides of the head. 

 

 

 

Neuronavigation 

The transducer was mechanically moved with the custom stereotactic frame guided by optical tracking as 

described previously (Phipps et al. 2019; V. Chaplin et al. 2019). A Polaris Vicra optical tracking system 

(Northern Digital Inc., Ontario, CAN) was used for tracking. A magnetic resonance imaging (MRI) 

compatible rigid body tracker was fixed to an NHP-table which also held the stereotactic frame. The fixed 

tracker was used as an optical tracking global reference to track a separate tracker fixed to the transducer 

and a stylus used to located six multimodality fiducials (IZI Medical Products, Maryland, USA) distributed 

on the ear bars and eyepieces holding the monkey head. The fiducials were visible on T1-weighted images, 

allowing registration between MRI image-space and optical tracking space which was done with 3DSlicer’s 

Figure 5.1.  Mechanical and optical tracking setup used during in vivo BBB opening procedures (water 

bag for coupling not shown). 
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Image Guided Therapy module (Ungi, Lasso, and Fichtinger 2016). Optical tracking was used for initial 

guidance of the transducer to the target by projecting a model of the focus onto the MR images. The 

transform used to orient the focus relative to transducer tracker was created in a water bath experiment by 

measuring the location of the focus relative to the transducer’s rigid body tracker using an optically tracked 

hydrophone (T. Manuel, Phipps, and Caskey 2022). Tracking was visualized along with MR images in 

3DSlicer (http://www.slicer.org/). Magnetic resonance acoustic radiation force imaging (MR-ARFI) was 

used to confirm the position of the focus relative to brain anatomy prior to each therapy and inform 

electronic steering of the focus if necessary (Nathan McDannold and Maier 2008). The MR-ARFI pulse 

has been previously described (Phipps et al. 2019). Therapies were performed in a 3 Tesla MRI scanner 

(Phillips, Elition X,Amsterdam, Netherlands).  

 

During procedures, we first select a target on a T1-weighted image. Next we orient the transducer such that 

the optically tracked focus is close to the target of interest. We then move the monkey, frame, and transducer 

into the MRI bore and collect MR-ARFI to measure the displacement generated by the acoustic focus. If 

the displacement overlaps with grey matter near our target of interest, we move forward with therapy. If 

not, we steer the beam electronically while collecting MR-ARFI images until we displacement is measured 

in grey matter at our target. In several cases, particularly at cortical targets, the displacement images were 

insufficient for focus identification. In these cases, we acquire an additional MR-ARFI with the beam 

electronically steered 1 cm away from the skull. In those cases, observing displacement in regions beneath 

a grey matter zone at our target confirmed our positioning. 

 

Acoustic therapy 

All therapies used 10 ms, 1 MHz pulses repeated at 2 Hz for 2 minutes following the arrival of 

microbubbles. Injections were intentionally slowed to take between 15 and 30s to prevent bubble collapse 
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while traveling through the syringe needle. To achieve consistent therapy length, we terminated therapies 

two minutes following the completion of a saline flush designed to clear remaining bubbles from the 

injection port and catheter line. Therapies were performed at the foot of the MRI bed (~7 feet outside the 

bore) to minimize the damping effect of a strong magnetic field on bubble oscillations (Yang et al. 2021). 

We tested pressures spanning 0.4 to 1.4 MPa. Once hemorrhage was detected at 1.4 MPa, no pressures at 

or above that range were tested again. 

 

Definity microbubbles (Lantheus Medical Imaging, North Billerica, MA, USA) were administered at 20 

uL/kg diluted into 3 mL of saline.  Following therapy, a T1-weighted image was collected. Gadavist 

(Leverkusen, North Rhine-Westphalia, Germany) was injected at a dose of 0.1 mL/kg and circulated for 5 

min prior to collection of a second T1-weighted image.  Susceptibility-weighted images were collected to 

check for extravasation of red blood cells. FLAIR images were collected to check for edema (Ho, Rojas, 

and Eisenberg 2012).  

 

In situ pressure for display in figures is estimated as 27% of free field. This value is taken from simulations 

of this transducer in macaques which predicted a transmission of 27 ±6% through four monkey skulls at 

the FEF (T. Manuel, Phipps, and Caskey 2022). Also informing the transmission estimate are water tank 

measurements through an ex-vivo macaque skull which gave transmissions from 15% to 40% depending 

on skull orientation. Assigning a single transmission value is an oversimplification because transmission 

changes with each subject, target, and transducer orientation. However, this helps with visualization and 

interpretation of results. When positioning the transducer, we attempted to minimize the angle between the 

transducer and the skull to avoid the effects of angle on BBBO outcome (M. E. M. Karakatsani et al. 2017).   

 

MR-Imaging Parameters 
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T1-weighted: 3D magnetization prepared gradient recalled, TR/TE: 9.9/4.6 ms; flip angle: 8°; in plane 

resolution: 1 mm2; slice thickness: 1 mm with 0.5 mm slice overlap reconstructed to 0.5 mm isotropic 

voxels. Susceptibility-weighted (SWI): 3D spoiled gradient recalled, TR 31 ms; 4 TEs (7.2, 13, 20, 26 ms); 

flip angle: 17°; in plane resolution: 0.5 mm2; slice thickness: 1 mm with 0.5 mm slice overlap reconstructed 

to 0.33 x 0.33 x 0.5 mm. FLAIR: 3D inversion recovery segmented k-space; TR/TE: 4.8/0.34 ms, inversion 

time: 1.65 ms; flip angle: 90°; in plane resolution: 1 mm2; slice thickness: 1 mm with 0.5 mm slice overlap 

reconstructed to 0.5 mm isotropic; 2 averages. 

 

Image processing 

All pre and post gadolinium T1-weighted images were processed by FSL’s BET tool (S. M. Smith 2002) 

for brain extraction and then by FSL’s FAST segmentation algorithm (Zhang, Brady, and Smith 2001). The 

FAST algorithm was used for bias field correction and segmentation into tissue types. A rough crop of the 

head was required prior to BET for successful brain extraction. Five iterations were used for bias field 

correction (option -n).  Following bias field correction several of the images showed histogram differences 

beyond what would be expected from the presence of gadolinium alone. If unadjusted, the subtraction 

images generated from the pre and post gadolinium injection t1-weighted images displayed whole brain 

differences which made quantifying opening difficult. We devised a two-step process to adjust for this. 

First, we balanced the images by iteratively applying a scalar offset to the post-gadolinium image while 

minimizing the difference of tissue type thresholds output by the Otsu threshold technique (Otsu, n.d.). 

Next, we used MATLABs histogram matching algorithm (imhistmatch) to match the histogram of the post 

gadolinium image to that of the pre gadolinium image.  

 

Percent change images were created using the balanced and histogram matched pre and post gadolinium 

T1-weighted images. The percentage change images were cropped using a cylinder mask centered on the 
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acoustic focus of size equal to three times the free-field pressure size (full-width at half maximum) which 

corresponds to a cylinder height 30, diameter 9 mm, and volume 1908 mm3.  This mask was created using 

3D slicer’s “create model” module and placed at the location with angled orientation informed by optical 

tracking and MR-ARFI. Cropping the percent change image reduces off target mislabeling of BBBO at 

noisy regions and blood vessels in the image far enough away from the focus to rule out as BBBO. For 

white matter/grey matter quantification, the cropped percent change image was registered to a tissue type 

atlas for the corresponding therapy. Grey/White/CSF atlases were created from FSL’s FAST segmentation 

algorithm. See figure 5.2 for a visualization of processing steps applied to the percent change image. The 

caudate and putamen required manual correction in several therapies where subcortical grey matter was 

Figure 5.2.  The image processing pipeline used to quantify opening volumes. A) segmentation into 

tissue types; B) overlay of full percentage change image onto segmentation; C) Cylinder mask used to 

crop around targeted region; D) Final percent change image used to quantify opening. 
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mislabeled as white matter.  Opening volumes are reported using enhancement thresholds of 10%, 20% and 

30%. 

 

Cavitation water tank measurements 

We built a flow phantom to mimic in vivo therapy conditions to enable benchtop testing of the cavitation 

monitoring system (figure 5.3). The phantom used 4 mm ID soft PVC plastic tubing at the point of the 

acoustic focus. We used a flow circuit powered by a 12V variable speed pump driven by a variable power 

supply to circulate the microbubble solution. We tuned the voltage on the power supply to achieve a 1 cm/s 

flow velocity. Velocity was measured by introducing a visible air bubble into circulation and timing its 

traversal through a known length of tubing. We matched estimated in vivo microbubble concentrations by 

converting the microbubble dose (20 µl/kg) and the average blood volume in adult macaques (60 ml/kg) 

which gives a ratio of 20 µl microbubble solution per 60 ml of water to use in the flow phantom (Bender 

1955). For water tank measurements we used in-house manufactured microbubbles. Our microbubble 

fabrication process is described previously (Singh et al. 2022).  Stirring was key to keep the bubble solution 

mixed during experiments and was achieved by placing a reservoir on a magnetic stirrer. The bubble tube 

was held by a 3D printed y-shaped adapter mounted to a 3-axis stage. The tube was aligned with the acoustic 

focus while filled with air by maximizing the amplitude of the reflection off the tube recorded at the receive 

element.  

 

Water tank measurements through skull were achieved using an ex vivo monkey skull cap which was 

degassed for 24 hours at -95 kPa while submerged in a cylindrical vacuum chamber (Abbess Instruments, 

Holliston, MA, USA). The transmission through this skull fragment was between 15 and 40% depending 

on skull orientation (measured using a ceramic needle hydrophone). Therefore, to attain an estimate of 

transmission for the specific orientation during the flow experiment, we captured a 5-cycle pulse-echo off 
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the flow tube filled with air with and without the skull present by transmitting with the therapy elements 

and receiving with the PCD. With the skull present, the receive amplitude decreased by 87.5%. The one-

way transmission loss was estimated from this two-way measurement as T1way = sqrt(T2way) or T1way = (1-

0.8755)0.5 = 0.35 or 35%.  

 

 

 

Cavitation monitoring software 

We built a custom python application to monitor cavitation. The design of the monitoring software 

emphasized the ability to visualize cavitation signals in real time, change therapy amplitudes, and present 

metrics which inform if in situ pressure reaches unsafe levels.  This application communicates between a 

Picoscope ps5000a mounted within our generator cabinet, the SDK provided by Image Guided Therapy for 

generator control, and user inputs given through a graphical user interface (Tkinter). The sample rate was 

fixed at 62.5 mega samples per second and 500 µs captures. One capture was acquired after a 50 µs delay 

following each therapy pulse trigger (2 Hz). Prior to therapy, the software allows the user to define a range 

Figure 5.3.  The setup used for water tank microbubble flow phantom measurements to develop and 

validate the cavitation monitoring system. 



99 
 

of candidate amplitudes and an electronic steering coordinate. Prior to bubble injection, the software 

acquires baseline captures for each candidate amplitude. 20 captures per baseline are acquired and averaged 

in the frequency domain. These baselines enable dynamic baseline subtracting i.e., subtracting the baseline 

which corresponds to the current therapy amplitude. This aids in decoupling effects from reflection 

amplitude changes and microbubble emission changes and was first adopted by Kamimura and colleagues 

(H. A. S. Kamimura et al. 2016).  

 

During therapy the software displays four windows: a spectrogram; a 2D line plot of the latest spectrogram 

column; plots of stable cavitation and inertial cavitation metrics versus time; and a control panel to start 

and stop therapy, change amplitude, and save data. For each therapy pulse, a column 𝑛 in the spectrogram 

was calculated as: 

 

𝑆(𝑓, 𝑛) = |𝐹𝐹𝑇{𝑝𝑛 (𝑡)}| − |𝐹𝐹𝑇{𝑝𝑏𝑎𝑠𝑒(𝑡)}| (5.1) 

 

where 𝑆 is the spectrogram with rows in frequency space 𝑓 and columns 𝑛 corresponding to the 

pulse/acquisition number. 𝑝𝑛(𝑡) is the latest acquired pressure-time series and 𝑝𝑏𝑎𝑠𝑒(𝑡) is a baseline 

pressure-time series from a pulse with the same current transmit amplitude. 𝐹𝐹𝑇 is the discrete fast Fourier 

transform.  

 

Our PCD has a central frequency of 2 MHz and detects harmonics from 0.5 MHz to 3 MHz in water tank 

measurements with a flow phantom and no skull present. Using this as an assessment of effective 

bandwidth, we limited frequency analysis within these bounds. Stable cavitation and inertial cavitation 

metrics are calculated by masking relevant frequency bands in 𝑆. The stable cavitation mask, 𝑆𝐶𝑀, 



100 
 

corresponded to ±10 kHz bands surrounding 0.5, 1.5, 2, 2.5 and 3 MHz. 10 kHz bands were chosen based 

on prior work by Pouliopolis and colleagues (Pouliopoulos et al. 2021). The inertial cavitation mask, 𝐼𝐶𝑀, 

spanned 1.1 MHz to 2.9 MHz excluding portions overlapping with the stable cavitation mask. Inertial 

cavitation dose, 𝐼𝐶𝐷(𝑛), and stable cavitation dose, 𝑆𝐶𝐷(𝑛), metrics were calculated for the nth pulse by:  

 

𝐼𝐶𝐷(𝑛) =  
𝑆(𝑓, 𝑛) ∙ 𝐼𝐶𝑀

∑ 𝐼𝐶𝑀
    (5.2)  

 𝑆𝐶𝐷(𝑛) =  
𝑆(𝑓, 𝑛) ∙ 𝑆𝐶𝑀

∑ 𝑆𝐶𝑀
(5.3) 

 

Here ∙ represents the dot product. We divide by the sum of the masks to normalize values such that 𝐼𝐶𝐷(𝑛) 

and 𝑆𝐶𝐷(𝑛) are not scaled by the different number of frequency points in both. Dynamic colormap 

windowing was necessary to visualize the spectrogram with sufficient contrast. We calculated a new lower 

and upper bound for the colormap with each pulse. The lower bound was equal to the average of the latest 

spectrogram column. The upper bound was equal to the average plus 3 standard deviations of the 

spectrogram column. Rather than automate pressure changes, we manually adjusted pressure during 

therapies because the signal amplitudes and qualities varied greatly from target to target.  

 

Therapies overview 

We performed twelve therapies in two macaques (one male, one female) over the course of five separate 

days.  Targets were selected to investigate both BBB opening capabilities throughout the brain as well as 

BBB opening capability at the frontal eye field (FEF), the target this transducer was optimized for in the 

design stage (T. Manuel, Phipps, and Caskey 2022). Nine of the twelve therapy targets were cortical, with 
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four performed at the FEF. The other three targets were subcortical (two putamen, one caudate). A range 

of pressures were attempted with mean in situ pressures ranging from 0.4 to 1.4 MPa.  

5.4 Results 

 

Opening volume 

Figure 5.4 shows percent change images generated from pre and post therapy T1-weighted images overlaid 

on T1-weighted anatomical images for three therapies from each target subgroup (subcortical, cortical, FEF 

only). Subcortical therapies resulted in enhancement at several cortical regions along the path to the  

 

Figure 5.4.  Percentage change images for nine BBB opening therapies separated into columns based 

on target groups. All colormaps match that shown in the top right. Subtraction images are overlaid on 

T1-weighted images from the same therapy. 
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transducer focus despite being outside the spot size of the transducer. Subcortical targets used the geometric 

focus of the transducer, rather than steered inward 10 mm. At the geometric focus the volume is 1.7 times 

larger and resulted in larger opening volumes. For some cortical targets, contrast enhancement can be seen 

in the subarachnoid space above the outermost grey matter as well as in grey matter regions, matching prior 

clinical results (Carpentier et al. 2016).  

 

 

The average tissue volume (grey + white matter) which experienced greater than 10% enhancement in post 

gadolinium T1-weighted images was 103 ± 101 mm3. The opening volume at subcortical targets was 184 

Figure 5.5.  Opening volume results. A) Opening volume for all targets, subcortical targets, and 

cortical targets in grey and white matter. For each group opening volume is presented using a 10%, 

20%, and 30% enhancement threshold. B) Opening volume compared to mean and maximum 

pressures used during therapies. Data points are color coded to indicate if edema or hemorrhage were 

detected. 
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± 82 mm3. The opening volume of cortical targets was 59 ± 37.3 mm3. Figure 5.5 Panel A shows a 

breakdown of contrast enhancement between grey and white matter tissues separated into cortical and 

subcortical targets. 88% of opening was in grey matter when considering all targets. Figure 5.5 also displays 

volumetric enhancement at thresholds of 20% and 30%. The enhanced volume was 31 ± 9 mm3 and 9 ± 10 

mm3 for 20% and 30% thresholds respectively. 97% of enhancement greater than 20% was in grey matter 

(excluding subarachnoid space, not included in analysis). We compared opening volumes against mean and 

maximum therapy pressure (Figure 5.5, Panel B). Opening volume increased with increased mean pressure 

(R2 = 0.55) and increased maximum pressure (R2 = 0.53).  

 

 

 

Figure 5.6.  A breakdown of the MR contrasts used during therapies. T1-weighted images following 

gadolinium injection are sensitive to BBB opening. SWI images are sensitive to hemorrhage. FLAIR 

is sensitive to edema. Images on the left show one of the seven cases of opening where no SWI or 

FLAIR abnormalities were visible. The images on the right show the SWI and FLAIR images from 

the therapy which resulted in both edema and hemorrhage. 
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Safety evaluation 

Of the twelve therapies, four exhibited temporary FLAIR hyperintensity at or near the same region as 

BBBO with no SWI darkening (Figure 5.6). Temporary FLAIR hyperintensity measured at short time 

delays following a therapy suggests edema occurred in these cases (Ho, Rojas, and Eisenberg 2012). One 

of the twelve therapies displayed permanent, localized SWI darkening and temporary FLAIR hyperintensity 

at the target indicating that both edema and extravasation of red blood cells (RBC) occurred. This case 

occurred in a subcortical target (caudate) at the highest pressure tested (1.4 MPa mean, 1.6 MPa max). 

Figure 5.5 distinguishes the datapoints corresponding to edema and/or RBC extravasation with yellow and 

red markers. The lowest pressure therapy which resulted in temporary edema was at a mean pressure of 0.7 

MPa and a maximum pressure of 0.9 MPa. The other four cases which showed edema account for the four 

highest mean and maximum pressures tested (1.0 to 1.4 MPa mean, 1.3 to 1.6 MPa maximum). The SWI 

and FLAIR images from the high-pressure caudate therapy with both edema and RBC extravasation are 

displayed in Figure 5.6 with the target region highlighted by red crosshairs. All FLAIR hyperintensities 

were temporary with no hyperintense region persisting and displaying in the following scan. The 

corresponding minimum time between adjacent therapies in the same monkey was 3 weeks. 

 

Cavitation monitoring tank measurements 

The cavitation monitoring system was developed and tested in a water tank environment using a flow 

phantom setup with circulating microbubbles matching estimated in vivo bubble concentration in the blood. 

With no skull present, instantaneous stable cavitation dose (SCD) follows a roughly sigmoidal shape 

showing first increase around 0.35 MPa, rapidly increasing up to 0.7 MPa, and then leveling off at higher 

pressures. Inertial cavitation dose (ICD) increases starting at 0.5 MPa. Figure 5.7 (panel A) shows 

instantaneous cavitation doses with and without a degassed monkey skull present with pressures adjusted 

for skull transmission (35% transmission for this target). With the skull present, the cavitation signals are 



105 
 

largely attenuated. SCD levels at 0.6 MPa decrease from 22,090 in water only to 1,558 with the skull (93% 

decrease). An increase in SCD is observed from 0.5 to 0.8 MPa. ICD does not increase with increased 

pressure, despite being in pressure ranges known to produce inertial cavitation.  

 

 

 

Figure 5.7 (panel B) shows cavitation monitoring readouts for water tank measurements with no skull, with 

a skull, and with a skull using 25 times the estimated in vivo concentration of microbubbles. The top row 

of panel B are spectrograms showing dynamic baseline subtracted spectral content versus time. The second 

row shows stable cavitation and inertial cavitation metrics plotted with time. The dashed lines are the raw 

values, the bold lines are averaged with a ten-sample sliding window. The bottom row of panel B shows 

pressure versus time. Without the skull, stable cavitation is visible in the spectrogram and apparent in the 

Figure 5.7.  Cavitation measurements made in a microbubble flow phantom. A) Average cavitation 

signal plotted versus pressure for measurements made with and without a monkey skull in the beam 

path. B) Cavitation monitoring readouts with for no skull, with skull, and with skull + 25 times higher 

microbubble concentration than in vivo. The top row shows spectrograms; the middle row show plots 

of stable (SC) and inertial (IC) cavitation metrics vs. time; the bottom row shows pressure vs. time. 

Pressures through the skull fragment were adjusted based on 35% transmission. 
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cavitation signal plot beginning at 0.35 MPa and increases with pressure. Inertial signal becomes visible in 

the spectrogram and cavitation dose plot beginning at 0.50 MPa and increases with pressure. With the skull, 

inertial cavitation signal is not visualized in the spectrogram nor apparent in the cavitation signal plots. 

Artifacts are visible around the fundamental frequency band. Some stable cavitation signal is apparent 

starting at 0.55 MPa.  

 

Increasing the bubble concentration to 25 times the in vivo concentration has several effects on the 

cavitation readouts through the skull. The SCD amplitude increases by a factor of 3 approximately. ICD 

becomes clearly visible around 1.2 MHz in the spectrogram and in the cavitation signal plots starting at 

0.70 MPa. The broadband ICD signal is concentrated at lower frequencies than in the no skull case likely 

due to frequency dependent attenuation. 

 

Cavitation monitoring in vivo measurements 

All BBBO therapies incorporated real-time cavitation monitoring facilitated by our custom software. Figure 

5.8 shows a representation of the full range of data with four cases showing clear cavitation signal (Panel 

A) and four cases with low cavitation signal readout (Panel B) presented to display the range in signal 

qualities. The opening volume along with any adverse effects are shown above the accompanying data 

group. The main distinguishing factor between the Panel A and Panel B is that the Panel A groups show 

clear signal changes in the spectrogram and cavitation metric plots which temporally follow changes in 

applied pressure shown at the bottom of each group. In Panel B, the spectrogram and cavitation plots are 

unresponsive to changes in pressure. In all therapies, bubbles are slowly injected at the start of the therapy 

and arrive between 15 and 45 seconds. This arrival is visible in several of the spectrograms and cavitation 

metric plots. 
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In Panel A first therapy, we ramped the pressure from 0.3 to 1.1 MPa. SCD did not increase before ICD in 

this case. Seeing ICD increase, we reduced the pressure to 1 MPa. This therapy resulted in neither edema 

nor RBC extravasation. In Panel A 2nd therapy, we also ramped the pressure. As we ramped, we first noted 

an increase in SCD between 0.3 to 1.5 MPa. At the upper end of the pressure ramp, we noted ICD and  

Figure 5.8.  In vivo cavitation monitoring data from eight therapies. Above each therapy are outcomes 

based on safety scans and opening volume. A) Four therapies where cavitation signals change with 

pressure and help inform in situ pressure levels. B) Four lower pressure therapies where cavitation 

signals did not change with pressure and do not inform in situ pressure levels. 
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reduced the pressure. This therapy resulted in temporary edema in a small cortical region above the target 

(putamen, subcortical). In Panel A 3rd therapy, clear ultra-harmonics can be noted at the arrival of bubbles 

which occurred around 15 s into the therapy. Noting the presence increase in ICD also, we dropped the 

pressure until only SCD was visible. This case resulted in temporary edema. This case occurred early in 

experiment order and highlighted the need to ramp pressure starting at lower pressure (~0.4 MPa). For the 

rightmost case which generated edema and hemorrhage, we ramped the pressure from 0.4 to 1.6 MPa. ICD 

and SCD both increase starting at 1 MPa. The amplitude of this change was small and was not visible at 

the time of the therapy due to ineffective window and leveling in the spectrogram. As a result, the therapy 

pressure was left at a high value for the remainder of the procedure.  

 

Panel B displays results from four lower pressure therapies with maximum pressures ranging between 0.5 

MPa and 0.9 MPa. In these cases, the spectrograms and cavitation dose plots are largely unresponsive with 

changes in pressure. Artifacts seen in the spectrograms as horizontal lines are a product of the subtraction 

of baseline spectrograms combined with tight colormap windows approaching the noise floor. Despite 

having no discernable cavitation readout, all four of these therapies resulted in measurable gadolinium  

Figure 5.9.  Cavitation dose compared to pressure and opening volume. Stable cavitation dose was 

partially correlated (R2 = .45) with pressure. All other comparisons were uncorrelated. 
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perfusion into regions around the target, indicating opening with no adverse effects indicated by SWI or 

FLAIR images. Figure 5.9 shows stable and inertial cavitation dose compared with mean therapy pressure 

and opening volume. Stable cavitation is correlated with mean therapy pressure (R2 = 0.56). Other metrics 

are uncorrelated.   

 

4.5 Discussion 

 

FUS mediated BBB opening has emerged as a critical tool for delivery of therapeutics to the brain. Thus 

far studies have measured the safety of FUS BBB opening and the size and range of therapeutics able to 

transport across the permeabilized vasculature (Cammalleri et al. 2020; Song, Harvey, and Borden 2018). 

The volume of FUS BBB opening determines the extent of the therapy’s effect. It is therefore desirable to 

achieve small focal spot sizes in applications that target small brain regions. In this work we tested a 

transducer optimized for small volume BBB opening in the macaque (T. Manuel, Phipps, and Caskey 2022) 

intended for gene therapy at the FEF to enable acoustically targeted chemogenetics (Szablowski et al. 2018). 

The transducer was successful in achieving small volume BBB opening with an average opening volume 

of 59 ±37 mm3 and 184 ±82 mm3 in cortical and subcortical targets respectively. Other studies in macaques 

report much larger opening volumes: (NHP 1 462.0± 193.4mm3, NHP 2 605.3± 253.2mm3 (Downs, Buch, 

Karakatsani, et al. 2015); 142 mm3 to 854 mm3 (M. E. M. Karakatsani et al. 2017); 100 to 600 mm3 (S.-Y. 

Wu et al. 2018); 680 mm3 to 1413 mm3 (Pouliopoulos et al. 2021). By demonstrating that smaller volume 

opening is possible we have improved the spatial selectivity of FUS BBB opening to smaller targets.  

 

Most measured opening occurred in grey matter with 92% of opening in grey at cortical targets and 84% at 

subcortical targets. Smaller increases in signal were measurable in white matter contiguous with grey matter 

opening sites. McDannold et al. found opening in white matter of macaques was not visible with gadolinium 
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imaging but was apparent with Evans blue dye (N. McDannold et al. 2012). On the other hand, (M. E. M. 

Karakatsani et al. 2017) found 80% of measured opening to be in grey matter and 20% in white matter. 

Across our results and these two studies, grey matter signal increase is brighter than white matter signal 

increase. This is attributed to the vascular differences in grey and white matter with grey matter being more 

perfused. Opening in white matter has been reported in humans in an Alzheimer’s related clinical trial 

(Lipsman et al. 2018) and exclusively at the highest pressures studied in a glioblastoma clinical trial 

(Carpentier et al. 2016). 

 

While the 1 MHz frequency allowed for a small transmit focus to be created, reception of echoes through 

the skull was challenging due to frequency-dependent attenuation. We identified multiple pressures where 

ultrasound induced BBB opening but did not generate significant increases in stable cavitation from 

baseline, making feedback difficult. Work by Wu et. al. investigated the effects of macaque and human 

skull on a cavitation monitoring system with a 500 kHz transmit frequency (S.-Y. Wu et al. 2014). They 

noted that the presence of skulls increased the pressure detection threshold for ultra-harmonic and inertial 

cavitation signals. We noted similar trends with our system in flow phantom measurements, and the effect 

will likely be more present with increasing frequency. Additionally, the skull produces strong reflections 

which impinge on the PCD during cavitation measurements. Increasing the transmit amplitude increases 

the amplitude of these reflections which have inherent harmonic content even in the absence of bubbles. 

Following methodologies proposed by Kamimura et. al we employed baseline subtractions using echoes 

acquired prior to microbubble administration (H. A. Kamimura et al. 2019). In the absence of baseline 

subtraction, ICD and SCD increase with increasing pressure even in the absence of microbubbles, 

presumably due to non-linear echoes from the skull. Although baseline subtraction helped isolate echoes 

arising from microbubbles, we were not able to detect all bubble activity.  
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The most similar systematic study of BBB opening parameters at 1 MHz (excluding small animals) is the 

work by Carpentier et. al, who quantified opening outcomes with a 1 MHz implant in humans at pressures 

from 0.5 to 1.1 MPa (Carpentier et al. 2016). 1 out of 11 patients demonstrated opening in grey matter at 

0.8 MPa compared to 3 out of 7 at 0.95 MPa and 12 out of 14 at 1.1 MPa. We tested a pressure range which 

spanned these values plus additional range. Once hemorrhage was detected at an estimated mean pressure 

of 1.4 MPa with our system, no pressures at or above that range were tested again.  

 

While our cavitation monitoring provided useful readouts for several therapies, when combined across trials 

cavitation doses did not correlate with opening volume or safety outcomes for our system. In a similar study 

with a 500 kHz transducer in macaques, cavitation metrics also did not correlate with opening volume 

(Marquet et al. 2014). In several cases shown in Figure 5.8, there are clear signatures of harmonic and 

broadband signals. However, the amplitude and characteristics of these features vary greatly from one 

therapy to another and are mostly absent at therapies which resulted in neither edema nor hemorrhage. A 

possible approach for therapy monitoring in future uses may be to ramp pressure up to 0.7 MPa in situ, at 

which point the therapy can progress so long as no harmonic or inertial signals are present. If either 

harmonic or inertial signals are present, this likely suggests higher than normal transmission and pressure 

should be reduced until the signals are absent. The geometric arrangement and frequency response of the 

cavitation monitor are known to be factors in sensitivity and could be improved upon to yield greater 

sensitivity  

 

We measured temporary edema in 5 of 12 cases and hemorrhage in 1 of 12 cases. Temporary edema has 

been observed by others at lower pressures than hemorrhage and typically resolves within a week. Four 

instances of edema were measured in a safety study using 500 kHz between 200 and 400 kPa (Downs, 

Buch, Sierra, et al. 2015). Additionally, four instances of edema were reported at 500 kHz 300 kPa (Downs, 
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Buch, Karakatsani, et al. 2015). Both hemorrhage and edema were observed at 325 kPa, 500 kHz (H. A. 

Kamimura et al. 2019). In our case, four of the five cases of edema were observed at the four highest mean 

pressures applied (ranging from 1.0 to 1.4 MPa) which suggest using only lower pressures may avoid 

edema. However, there was a case of edema at a mean pressure of 0.7 MPa, max pressure 0.9 MPa. Rather 

than declare a hard threshold for edema, we note that at mean pressures below 0.9 MPa the instances of 

edema were 1/7 and fell to 0/4 below 0.7 MPa.  

 

Transmission variance from target to target and subject to subject is unaccounted for in our analysis and 

likely contributes variance in opening volume, safety outcomes, and cavitation readouts. MR-ARFI may 

provide a means for accounting for this by sampling displacement prior to each therapy. Internal reflections 

likely give rise to complex pressure fields through the brain via standing wave formation given our long 

pulse length (10 ms) (Tang and Clement 2010; O’Reilly, Huang, and Hynynen 2010). Standing waves result 

in nodes of zero pressure and twice the pressure and may cause opening and/or damage despite low transmit 

amplitude. The distribution of microbubbles supplied by the vasculature is inhomogeneous in the brain 

which may partially decouple opening, edema, and hemorrhage from the spatial pressure field (Prada et al. 

2021). For this reason, small changes in focus location alone may result in changes in opening volume and 

cavitation readout. Given the extent of skull attenuation on our cavitation signals, it is likely that 

incorporating a receive element at the half-harmonic (500 kHz) where attenuation is lower could yield better 

consistency of in vivo cavitation monitoring readouts in the presence of thick skulls. Subharmonics have 

been used successfully in mice for BBB opening cavitation monitoring (Burgess et al. 2014). 

 

4.6 Conclusion 
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We tested a transducer optimized for small volume BBB opening in cortical targets in macaques and 

achieved opening at smaller volumes than previously reported. We characterized opening volume and 

safety outcomes across a range of pressures and targets, contributing new insight into BBB opening at 1 

MHz in macaques. Cavitation monitoring with our 2 MHz receive element provided insight during some 

high-pressure therapies but had low SNR at lower pressure levels. This systems improves FUS BBB 

opening spatial specificity in macaques.  
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Chapter 6 

 

Conclusion and future directions 

 

6.1 Conclusion 

 

The work described in this dissertation addresses challenges and questions at multiple fronts in the FUS 

space, particularly regarding brain applications. Here we identified several factors affecting ultrasound 

neuromodulation, including pulse repetition frequency and ion channel involvement. USN holds great 

potential as a research and therapy tool but often exhibits low magnitude, seemingly stochastic outcomes 

with large variance across models and studies. At the time of this work, there was cause for skepticism 

concerning USN given results from multiple groups demonstrating an auditory confound (Sato, Shapiro, 

and Tsao 2018; Guo et al. 2018) likely present in several foundational works (King et al. 2013; Tufail et al. 

2010). With our neuromodulation study, we added to the body of literature demonstrating ultrasound 

neuromodulation in the absence of both heating and auditory confounds, fortifying the argument for a direct 

mechanism of action. Furthermore, our findings on increased modulation probability with certain pulse 

repetition frequencies have since been adopted and corroborated by several independent groups (Fomenko 

et al. 2020; Yu et al. 2021; Cheng et al. 2022), improving the robustness of outcomes and similarity of 

results across studies. 

 

We also worked towards BBB opening capabilities of FUS. We designed a transducer for small volume 

blood brain barrier opening, which enables delivery of therapeutics to the brain while improving the spatial 

specificity of the technique. The design leveraged simulations in four macaques to incorporate transcranial 

evaluation of performance. Our design pushed the frequency of what has been used transcranially in large 

animals and used an inward steering technique to shrink the focal volume as much as possible within the 
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constraints of the design. We then calibrated the system, integrated it into an MRI guided workflow, and 

evaluated its performance in vivo. We built supporting software to monitor cavitation during the therapies 

in real-time. Comparing the performance of the monitoring in water tanks to in vivo highlighted areas for 

future research to improve the sensitivity and consistency of cavitation monitoring. This work brings the 

capabilities of ultrasound BBBO to Vanderbilt for future studies and with higher spatial selectivity than 

available elsewhere. This system will be used for non-invasive gene therapy in the macaque brain. 

 

6.2 Future directions 

 

6.2.1 Ultrasound neuromodulation 

 

Pressing engineering problems remain with therapeutic ultrasound for neuromodulation and blood-brain 

barrier opening. With neuromodulation, important next steps for the field are to: 

1) Corroborate and expand the growing consensus in the theory that mechanical stress leads to neuron 

excitation. 

2) Identify the upper dose range of safe ultrasound parameters.  

3) Evaluate through animal and human models the best suited applications of ultrasound neuromodulation.  

 

1) Corroborate and expand ultrasound neuromodulation mechanism theories 

 A consensus is emerging on the mechanism of non-thermal ultrasound neuromodulation as being 

mechanical in nature but not requiring cavitation. Studies genetically knocking out mechanical ion channels 

in c. elegans (Kubanek et al. 2018), investigating specific ion channels in a single cell model (S. Yoo et al. 

2022), and studying the effects of ion channel blockers (Tyler et al. 2008) all point to a mechanical link 
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between ultrasound, ion channel involvement, and neuron excitation. Advanced optical imaging techniques 

may be able to corroborate mechanical interactions with imaging readouts at higher spatiotemporal 

resolution in synthetic liposomes, engineered cells, or in intact brain models.  It is worthwhile to continue 

adding to the available data surrounding this topic because ultrasound parameter designs can be informed 

by the underlying principles at work. 

 

The mechanical mechanism theory for ultrasound neuromodulation can build upon physical models of 

acoustic radiation force and acoustic streaming mentioned in chapter 1 to describe the immediate physical 

link between ultrasound and cellular structures. However, the theory needs to be expanded upon in the 

cellular signaling space to include populations of neurons rather than single cells, specific types of nervous 

system cells (glial cells, astrocytes, neurons), and state-dependence (i.e. how cell history and current cell 

excitability play into outcomes). In vivo, ultrasound stimulates populations of neurons and produces a bulk 

effect. Observations reporting inhibition from ultrasound may be due to ultrasound stimulating circuit nodes 

which themselves suppress a downstream node. The differences in the signaling effects of ultrasound in 

different cell types remains a question which if answered would add a level of dimensionality to the 

ultrasound neuromodulation as a tool. The mechanisms accounting for the longer term effects like reduced 

somatosensory evoked potentials which lasted more than 10 minutes need to be evaluated and linked to 

ultrasound parameter selection (Dallapiazza et al. 2017).  

 

2) Identify the upper dose range for safe neuromodulation 

Most parametric studies point to an intensity dependence on ultrasound neuromodulation probability. From 

this it can be concluded that to maximize neuromodulatory effects, ultrasound dose should be applied at the 

highest intensity level which does not produce adverse effects (although some works which suggest 

inhibitory vs. excitatory effects at different ultrasound levels may refute this). Potential adverse effects 
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highlighted in chapter 1 include heating and cavitation related damage. The risk of cavitation has been well 

studied in tissue and is proportional to the mechanical index of a pulse as described in section 2.1.2.2. Pulse 

designs can avoid cavitation by simply keeping peak-negative pressures below the cavitation threshold of 

tissue. Tissue heating from ultrasound has also been well studied and can be modeled as described in section 

2.1.2.1. However, avoiding thermal effects is where pulse design has several parameters to tune which may 

maximize neuromodulation outcomes. It has been shown by our group as well as many other (table 2.1) 

that pulsed ultrasound is effective for neuromodulation. Pulsed ultrasound enables lowering the pulse duty 

cycle which lowers the temporal-average intensity and in turn heating. It may be the case that low enough 

duty cycles enable using pressures right up to the cavitation threshold for long periods of stimulation 

without concern for heating. It would be useful to see this evaluated in an animal model with behavioral or 

electrophysiology measurements of efficacy coupled with histology safety measures. 

 

3) Evaluate the best suited disease candidates for neuromodulation 

Apart from using ultrasound neuromodulation as a tool for probing neural circuits, ultrasound 

neuromodulation may have applications in treating diseases such as chronic pain, addiction, depression, 

and essential tremor. Many investigations using ultrasound neuromodulation are underway (for a recent 

review, see (Darmani et al. 2022)). Most early studies have sought links to immediately observable effects 

of ultrasound like tactile sensations, fMRI BOLD signals, and visual perceptions. However, disease oriented 

work has begun including testing ultrasound neuromodulation in disorders of consciousness (Monti et al. 

2016), pain (Badran et al. 2020), and depression (Reznik et al. 2020). The primary benefit of ultrasound 

over other non-invasive stimulation tools is its spatial precision and ability to reach deep targets. However, 

to make an impact on standard of care, the next generation of studies will need to demonstrate that 

ultrasound neuromodulation leads to improvements in patient outcomes. Perhaps the most exciting target 

to aim for is long lasting effects from ultrasound stimulation with regard to some disease symptom. Long-
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lasting effects will increase the viability of the technology by reducing the number and frequency of 

treatments required.  

 

6.2.2 Blood-brain barrier opening 

 

There are several immediate future directions for the BBBO project described in this dissertation which 

focus on improving the safety and consistency of the BBBO system as well as using it for its intended 

purpose, gene therapy. First is to increase the sensitivity of our system's cavitation monitoring receive 

capabilities. In vivo and ex vivo skull phantom data in section 4.4 show that our cavitation signals are greatly 

masked by skull attenuation. This challenge is common in cavitation monitoring systems operating in 

humans and macaques. While we cannot easily change the receive element on the transducer, we could add 

a separate transducer to the procedure. Separate receive transducers are used by several groups (O’Reilly 

and Hynynen 2010; N. McDannold et al. 2012).  The added sensitivity of an additional receiver may be 

enough to improve the consistency of our current cavitation monitoring approach. It may be beneficial to 

test a receive element centered on 500 kHz (the half-harmonic) as this lower frequency content will be less 

attenuated by the skull. It is also possible to dedicate several of the array transmit elements as receivers. 

This could improve the overall sensitivity of the system without acquiring a new transducer. The array 

produces an excess of power over what is needed for BBBO and could likely achieve adequate focal 

pressure and spot size with several central elements allocated to receiving only. Apart from directly 

improving our system, identifying techniques to improve cavitation monitoring sensitivity would move the 

field forward and improve BBB opening safety and consistency. 

 

The performance of our cavitation monitoring may be improved by adopting a different strategy for 

feedback. Currently, we perform manual adjustments of pressures based on real-time signals visualized 

throughout therapy as was done previously (Arvanitis et al. 2012). This approach offered the most flexibility 
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and served well for our initial evaluation of the system. However, the in vivo data has revealed that at safe 

therapy levels where cavitation is occurring, it is often the case that no cavitation signals are detected. 

Several approaches to address this have been put forward by the field (McMahon, Poon, and Hynynen 

2019). One approach which seems well suited to low SNR cases is to acquire an initial pressure ramp of 

test pulses with bubbles circulating. From the test pulses, the therapy pressure could be chosen as a fraction 

of the lowest pressure pulse which produced visible cavitation signals. This requires potentially subjecting 

the patient to a low number of unsafe pressures during test pulses, but our in vivo data suggests that small 

durations of excess pressure do not lead to adverse effects. 

 

A third area of future work discussed in chapter 5 and common to the field is to link measurable factors to 

the variances opening volume outcomes.  We saw a variation of ± 63% and ± 45% in cortical and subcortical 

BBB opening volumes. Table 2.2 illustrates that this amount of variance is common, and studies have 

suggested pressure, incidence angle, and microbubble concentration contribute to the variance in outcome. 

Using patient specific transcranial simulations of the in vivo procedures in chapter 5, it should be possible 

to estimate effects of incidence angle and delivered pressure for each procedure. Furthermore, the target 

location can be co-registered with segmented anatomical MRI scans to infer relative microbubble delivery 

based on grey matter / white matter ratio at the acoustic focus. By combining simulations and anatomical 

measures, we can likely account for a portion of the variation observed in our in vivo procedures. 

Accounting for this variation will be important in future efforts to improve the spatial specificity of our 

system for BBB opening and would contribute to the field by predicting and perhaps avoiding variation in 

procedural outcomes. 

 

Finally, the system should be tested for its intended application, gene therapy. Gene therapy enabled by 

ultrasound BBBO is one of the more promising applications because of its non-invasive, non-destructive 
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yet permanent therapeutic potential. FUS BBB opening can reduce the required dose of viral vectors for 

adequate brain transfection by a factor of 100 which improves peripheral transfection (Noroozian et al. 

2019). So far, the evaluated performance of our system and many others has been based on increased 

gadolinium delivery. Gene therapy requires the delivery of large (~2 kDa) molecules which will have lower 

perfusion at the same BBB opening parameters compared to gadolinium (H. Chen and Konofagou 2014). 

Because of the higher pressure required for viral vector delivery, the safety margin between adequate 

opening and adverse effects will be thin. Improvements in the cavitation monitoring system discussed here 

in future directions and in chapter 5.5 will be key to consistently hit the safe pressure window and delivery 

adequate viral load into the brain parenchyma. 
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