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Focused ultrasound (FUS) is a versatile tool that allows for the non-invasive delivery of energy on the millimeter scale and is actively being applied to a number of research and clinical problems. Generally, FUS can affect tissue through two major mechanisms, mechanical and thermal. These two mechanisms can be either destructive or nondestructive depending on the chosen FUS parameters. Tissue can be destroyed though heating or mechanical disruption with high intensity ultrasound while lower intensities can be used for neuromodulation, targeted drug delivery, and other therapies. These multiple mechanisms of action allow FUS to be noninvasively applied to spatially select regions; however, many scientific and technical challenges remain to be solved. 
Applications of FUS within the brain provide unique advantages for both research and therapy. FUS is able to pass through the intact skull and still cause effects within localized regions of the brain. Large aperture transducers can produce foci of millimeter scale, allowing for precise targeting of specific brain structures [1]. Destruction of tissue has been explored with histotripsy [2] and thermal ablation [3], [4] to treat clinical disorders. FUS can be used in conjunction with microbubbles to selectively open the blood brain barrier, allowing for the targeted uptake of drugs for research or treatment [5], [6]. Nanoemulsions that release drugs only when exposed to a FUS beam have been demonstrated for targeted drug release within the brain [7], [8]. The application of FUS has also been shown to cause neuromodulation in mammals from rodents to humans [9]–[11]. These applications of FUS provide tools to better understand brain function and treat clinical conditions but more development is needed to be able to fully utilize these applications. 
The ability to localize the FUS beam is especially important for transcranial applications, since the skull itself produces many challenges. The skull will reflect and absorb sound, which may cause damage to the skull. The skull also aberrates the FUS beam, leading to a larger focal area, less pressure at the focus, and shifts in the focal location. This dissertation presents work focused on improving the ability to accurately target brain regions with transcranial FUS. An introduction to acoustic propagation and transcranial FUS applications is presented in chapter 1. Chapter 2 describes the general methods and technologies used throughout this work. Chapter 3 presents original work studying the safety of a localization method. Chapter 4 presents work on improving said localization method while reducing the FUS dose. Chapter 5 explores the ability to target specific brain regions. The final chapter presents overall conclusions and future work to continue to improve transcranial FUS procedures. 

[bookmark: _Toc71289092]1.1—Ultrasound wave equation and tissue interactions

Ultrasound waves are longitudinal acoustic waves with frequency above the hearing range of humans. These waves can travel though tissues where they can generate a variety of bioeffects. In a longitudinal wave, particles are displaced in the wave propagation direction, and tissue in the path of the wave experience alternating pressure above and below the ambient pressure. During the compression phase of the wave, the tissue will experience increased pressure and density while the opposite effects will occur during the rarefaction phase. During FUS experiments the peak negative pressure (PNP), the frequency, and the duration of the wave are all parameters which can change the bioeffects that the tissue will experience. 
A low amplitude acoustic wave traveling through a lossless and homogenous medium can be described by a series of coupled differential equations. The individual equations covering the conservation of momentum, conservations of mass, and the relationship between pressure and density are as follows:
	
	
	Eq. 1.1

	
	
	Eq. 1.2

	
	
	Eq. 1.3


where u is the particle velocity, p is pressure,  is the density,  is the ambient density, and  is the speed of sound. These equations can be combined to give the classic second order wave equation
	
	
	Eq. 1.4



A solution to this one-dimensional wave equation can be written as
	
	
	Eq. 1.5


where  is the angular frequency, k is the wavenumber ( where  is the wavelength), and  is the ambient pressure. This results in a pressure changes in the media with compression of the media occurring during the increasing pressure half of the wave and rarefaction during the decreasing pressure half of the wave. 
The Food and Drug Administration provides guidance for manufacturers building clinical imaging systems [12]. A number of methods for reporting the intensity of the ultrasound beam relevant for safety considerations have been established and are provided here. These include the spatial peak pulse average intensity (Isppa) and the spatial peak temporal average intensity (Ispta) (figure 1). The intensity of the wave can be calculated as 
	
	
	Eq. 1.6


This intensity is in W/m2 and for a focused beam, generally the spatial peak intensity at the focus is reported. The instantaneous intensity can be calculated for any point in time. The pulse average intensity can be calculated by first taking the pulse intensity integral
	
	
	Eq. 1.7


Where the integral period (t1 to t2) occurs over a single pulse [13]. The pulse duration (PD) is defined as 1.25 times the time between the intensity integral reaching 10% of the PII and 90% of the PII. The pulse repetition frequency (PRF) can be defined at the number of pulses per second that are generated. Using these values, Isppa can be calculated as 
	
	
	Eq. 1.8


and Istpa can be calculated as 
	
	
	Eq. 1.9


These two intensity metrics both measure the spatial peak intensity of the FUS beam but use different time scales for the time averaging. The use of these intensity measures as safety metrics is discussed in section 1.3. [bookmark: _Toc71289067]Figure 1.1: Ultrasound waves can be characterized peak positive pressure (PPP) and peak negative pressure (PNP). Intensity measurements can be made across a single pulse as in the spatial peak pulse average or across all pulses used as in the spatial peak temporal average.

[bookmark: _Toc71289093]1.1.1—Reflections

For media which are neither homogenous nor lossless, which tend to be interesting for biological applications, a number of other phenomena can affect the propagation of waves. Different tissues can be characterized by the acoustic impedance z, where . For a wave that is normally incident from one tissue into another, a portion of the wave will be reflected from the interface by a factor that can be written as
	
	
	Eq. 1.10


where R is the displacement reflection coefficient,  is the acoustic impedance in tissue 1, and  is the acoustic impedance in tissue 2. The transmission coefficient can be calculated from this reflection coefficient as T = 1 – R. For an interface that consists of water and bone, where  the acoustic impedance of water can be calculated by zwater = 1000 kg/m3 * 1480 m/s and the acoustic impedance of bone can be calculated by zbone = 1900 kg/m3 * 2900 m/s [14], the reflection coefficient will be 0.58 and the transmission coefficient will be 0.42 (figure 1.2 A). For transmission from bone into water the reflectivity coefficient will be -0.58 representing a wave that is 180° out of phase with the incident wave and the transmission coefficient will be 1.58 resulting in an increased pressure after transmission into the water. For a simplified three layer model of water-bone-water the transmission though bone of a normally incident wave will be 67% amplitude of the incident wave. [bookmark: _Toc71289068]Figure 1.2: A: An example of the transmission and reflection of an ultrasound wave at a water bone interface. 58% of the incoming wave will be reflected off the interface due to the acoustic impedance mismatch between the materials. B: An example of the refraction of the wave due to speed of sound mismatch between materials.

For incident angles which are not normal, a larger portion of the wave will be reflected depending on the incident angle and the speed of sound in each tissue. We can apply Snell’s law to the acoustic wave such that 
	
	
	Eq. 1.11


where  is the incident angle on the boundary of tissue 1 and 2 and  is the transmission angle of the wave into tissue 2. Using the same sound speeds from above, an ultrasound wave at an incident angle of 15° will be transmitted at an angle of 30.5° in the skull (figure 1.2 B).  If the incident angle is too steep (past a critical angle  between tissues with different sound speeds then all of the wave will be reflected and nothing will be transmitted. For the interface between the water and bone the critical angle for an incident wave can be calculated to be 30.7°, past this angle no sound will be transmitted. 

[bookmark: _Toc71289094]1.1.2—Attenuation

As the ultrasound wave travels through tissue it will be attenuated. This loss in pressure is primarily caused by two mechanisms, scattering and absorption [15]. As ultrasound waves pass through an inhomogeneous tissue, the waves will reflect off small density and speed of sound inhomogeneities in the tissue and be scattered [16]. Classical absorption occurs when the density of the tissue comes out of phase with the propagating wave due to frictional forces acting on the particle motion [17]. This absorption causes viscous heating of the tissue which can be harnessed for therapies but should be avoided during other procedures. Attenuation of ultrasound can be modeled with a power law with respect to frequency 
	
	
	Eq. 1.12


where x is the distance traveled in tissue in cm and  where  is the attenuation coefficient and generally ranges from 0.1 to 0.7 dB cm-1 MHz-b for soft tissues, f is the frequency of the transducer, and b is tissue dependent parameter which is close to 1 for most biological tissues [15]. This results in reduced pressure with increasing depth. 

[bookmark: _Toc71289095]1.1.3—Transmission of FUS through the skull

The transmission of focused ultrasound through skull bone will be of concern for the work described in this dissertation. For transcranial FUS special attention needs to be paid the skull. Skulls consist of three layers of bone, an outer layer (referred to as a table) of hard, dense bone, an intermediate porous layer, and an inner table similar to the outer table [14]. The porous part of the skull attenuates sound much more strongly than the outer or inner table [14]. Since attenuation increases with increased frequency it is advantageous to use lower frequencies in transcranial applications where the skull is a strong attenuator. Because of this transcranial FUS is often applied at frequencies below 1MHz.
For ablative treatments, the ratio of the density of the inner porous layer to the density of the outer tables is reported as the skull density ratio (SDR). Treatments have been reported to be more effective in patients with a higher SDR, though more adverse events have also occurred in these patients [18], [19]. Jung et al reported that the incident angle on the skull impacted reflection and transmission of FUS with angles greater than 25° showing significant reflections in addition to SDR effects [20]. The impact of incident angle on transmitted pressure has been studied in a laboratory setting as well. A human skull fragment was placed on a rotation stage between a transducer and hydrophone and the focal pressure was recorded. When comparing an incident angle of 40° to an angle of 0°, the pressure transmitted was reduced to less than half [21].
Experimental studies of attenuation through the skull have found that much of the pressure loss can be attributed to reflection, scattering, and mode conversion with only a limited amount of the ultrasound being absorbed. Fry and Barger found that the angle of scattered sound from the porous inner layer of the skull was independent from the amplitude of the scattered sound [14]. This finding suggests that much of the pressure loss though the skull is due to sound being scattered rather than absorbed. Pinton et al. used high resolution bone images along with numerical modeling of sound propagation and heating to compare the pressure loss in experimental conditions with the modeled data. They found that only a small portion of the measured attenuation (16.6 dB/cm) was due to longitudinal absorption (2.7 dB/cm) or shear absorption (5.4 dB/cm)  when transmitting though the skull [22].

[bookmark: _Toc71289096]1.1.4—Nonlinearity and radiation force

At low acoustic pressure the compression and rarefaction of the tissue do not significantly change the tissue density. Once the pressure is high enough, such as near the focus, the density change of the tissue becomes significant and will change the speed of sound in the tissue. In regions of high pressure the tissue has a higher speed of sound and in regions of low pressure the tissue has a slower speed of sound. These changes in the speed of sound result in the shape of the wave changing and generating additional frequency content, such as harmonics of the center frequency.
One consequence of these nonlinear terms is the generation of the acoustic radiation force (ARF). This force results from a transfer of momentum from the acoustic ultrasound wave to the tissue in the direction of wave propagation. The momentum transfer is due to a nonzero time average of momentum from the nonlinear term in the wave equation [23]. The radiation force can be described by the following equation
	
	
	Eq. 1.13


where  is the absorption coefficient, I is the intensity, and c is the speed of sound. Since absorption scales with frequency of the ultrasound there are two ways to increase the radiation force: use a higher frequency transducer or use a more intense pulse. 
 In a biological tissue this force causes a displacement in the tissue. These displacement can measured using ultrasound [24] or MRI [25] to localize the beam or study tissue characteristics. Tissue stiffness, often characterized by the Young’s modulus, will affect how much the radiation force can push the tissue. Stiffer materials will displace less compared to softer tissues for the same applied force [26]. 

[bookmark: _Toc71289097]1.2—Transcranial Focused Ultrasound Transducers

FUS is generated using ultrasound transducers. These transducers consist of a piezoelectric element which consists of material that change shape when the surface charge changes. When a voltage pulse is applied to a piezoelectric material, the dipole moments in the material shift in distribution leading to a proportional change to the thickness of the material [27]. The opposite also occurs, where force which causes a shape change in the piezoelectric material will generate a surface charge allowing detection of the force. Applying a sinusoidal electrical wave to the piezoelectric material will result in mechanical pressure waves being generated from the material which can be transmitted into tissue. As described in equation 1.10, pressure waves will reflect at the interface of materials with different acoustic impedances. Matching layers can be placed between the piezoelectric element and the tissue to improve transmission of the pressure wave [28], [29]. [bookmark: _Toc71289069]Figure 1.3: A side view schematic of a spherically focused FUS transducer. Transducers are characterized by the aperture diameter and radius of curvature.


[bookmark: _Toc71289098]1.2.1—Typical transducers in transcranial focused ultrasound

FUS transducers are often spherical caps, where sound waves generated at any point on the face of the transducer at the same time will arrive at the geometric center of sphere in phase and result in a large pressure only at the focus, referred to as the focal gain (figure 1.3). Generally, FUS transducers are designed to apply the maximum amount of energy into the smallest focus size at a distance that allows the transducer to noninvasively target the region of interest. Transcranial applications need a focal length that allows the transducer to be placed outside of the head while sonicating targets within brain. Since the attenuation of ultrasound waves is frequency dependent (eq. 1.12), transducers with a center frequency below 1 MHz are often used for transcranial applications for better transmission of energy [30].
Transducers can be described with a number of characteristics: frequency, radius of curvature, and aperture diameter. Each of these characteristics influences the focal shape and location. Transducers only resonate at certain frequencies dependent on the thickness of the piezoelectric element. The element is designed so that it is one half wavelength thick allowing for waves with the corresponding frequency to be emitted in phase. This design also allows the element to resonate at the harmonics of the designed frequency which can be used to expand the applications of the transducer [31]. 

[bookmark: _Toc71289099]1.2.3—The effect of f-number on focal spot size

The radius of curvature of the transducer determines where the geometric focus is located relative to the transducer face. The aperture diameter is the diameter of the face of the transducer and the ratio of the radius of curvature to aperture diameter is the f-number of the transducer[bookmark: _Toc71289070]Figure 1.4: 2D simulations showing the effects of changing the transducer aperture. Each simulation is plotted on separate colormaps to show the focus. The same input wave was used for each simulation. There is increasing focal gain with larger apertures while maintaining the radius of curvature and frequency. The larger apertures, with smaller f-numbers, also have tighter focal shapes in both the lateral and axial directions.

	
	
	Eq. 1.14


where ROC is the radius of curvature of the transducer and D is the aperture diameter. A spherical transducer with a lower f-number and the same ROC will have a larger surface area generated ultrasound waves resulting in more focal gain and a smaller focal size. Figure 1.4 illustrates simple 3D simulations of spherical transducers with different aperture diameters showing the relationship between f-number and focal shape. As the aperture of the transducer increased the pressure at the focus increases as seen by the changing color bars. The focus is smaller in both the axial and lateral beam directions with a larger aperture for the same radius of curvature. 
[bookmark: _Toc71289071]Figure 1.5: Example of single element transducer (left) vs multielement array transducer (right). A single element transducer has the full surface of the transducer as the active element. Spherically focused transducers are often used for therapeutic arrays, and the cross section of this array is the arc of a circle. Multielement arrays use a number of independent elements spaced out on the surface of the transducer. Each of these elements can be independently controlled.

[bookmark: _Toc71289100]1.2.2—Single element versus array transducers

Transducers can be made using a single piezoelectric element or an array of multiple elements (figure 1.5). A single element design is limited to sonicating only at its geometric focus, however these transducers are relatively cheap and do not require large banks of amplifiers. In contrast, a phased array can consist of hundreds or thousands of elements which can each be individually controlled allowing for electronic steering of the focus and aberration correction. Methods have been developed which allow for complex patterns to be generated where the focus can be steered away from the geometric focus of the transducer and multiple foci can be generated [32]. The ability to steer the focus of the transducer allows for a wider range for research and clinical applications. Individual control of each element allows for aberration correction to minimize the effects of the skull on the focus size and energy [33]. The focus location and intensity can be improved estimating the phase aberration induced by the skull with simulations [34], [35]. 
Much of the early work on transcranial FUS transducers was centered around thermal therapy applications. In 1977 a 1 MHz single element FUS transducer was shown to be able to induce thermal changes in a phantom after sonicating though a human skull [36]. Later, multielement phased arrays were developed for transcranial FUS. Clement et al. custom designed a 64 element phased array transducer for transcranial thermal therapy and discussed the tradeoffs in the transducer parameter space [37]. While higher frequencies provide a smaller focus at the target, more of the energy is absorbed by the skull at those higher frequencies. Simulations showed that larger numbers of elements provided better aberration correction through the skull but considerations need to be made with the cost and difficulty of manufacturing an array with very large numbers of elements [37]. Further work by the same group designed a 500 element array which was used to test thermal ablation though a human skull in rabbits with MR guidance [38]. This transducer was able to steer to multiple targets and use aberration correction to improve the focus. 
A clinical system for brain ablation has been designed and used for treatment of essential tremor by ablation of the thalamus. The ExAblate 4000 (InSightec, Haifa, Israel) consists of a MR compatible 1024 element hemisphere. This transducer has a 30 cm diameter and can operate at 650 kHz and phase correction can be applied to improve the focus [33], [39]. NaviFUS (NaviFUS Inc., Taipei, Taiwan) have produced a phased array transducer which can be coupled to a neuro-navigation tool to target specific brain structure outside of a MR suite for blood brain barrier opening [40]. Work presented in chapters 4 and 5 of this dissertation uses a transducer which was designed to sonicate a non-human primate (NHP) brain. This transducer is a 128-element phased array designed using simulations of random element locations and different radius of curvature, diameter, and coverage to optimize the focus size and steering. This resulted in a transducer with a diameter of 10.3 cm and a radius of curvature of 7.2 cm (f-number 0.7). The transducer could be steered  mm in the lateral direction and  mm in the axial direction [1].

[bookmark: _Toc71289101]1.3—FUS safety

When considering ultrasound safety, the bioeffects of FUS can be broadly divided into two categories: mechanical and thermal damage. Currently there is little formal guidance on the safety of long FUS pulses, especially for novel applications such as blood brain barrier (BBB) opening and neuromodulation. The FDA has published guidelines for imaging pulses to limit the risk of heating and cavitation [12]; however, imaging pulses are normally single cycle pulses, unlike the multi-cycle pulses, often in the thousands, for therapeutic FUS. The ALARA principle (“as low as reasonably achievable”) is a good practice to follow to reduce the likelihood of damage [41], [42]. For this reason, it is best to limit the ultrasound dose as much as possible within the confines of the experiment or treatment. This is especially true for localizing the FUS beam in areas where excess dose may cause unintended and undesired damage. Therefore, it is important to develop methods that minimize the necessary dose for beam localization, which this dissertation addresses. 

[bookmark: _Toc71289102]1.3.1—Mechanical

Mechanical damage to tissue can occur due to inertial cavitation. Cavitation can occur during the rarefaction phase of the wave, where the low pressure can cause a gas bubble to form inside the tissue [43]. This bubble will then collapse during the high-pressure phase of the wave and can cause damage to surrounding tissue. Bubbles can form rapidly and the mechanism for damage has been adopted for therapy to kill tissues [2]. A major driving force for cavitation is the peak negative pressure (PNP) experienced by the tissue, however the effects vary with the center frequency. Theoretical models were developed to study the cavitation threshold and determine at what pressure for a given frequency cavitation was likely to occur [43], [44]. Experimental data from sonications in water or fluids which may contain cavitation nuclei generally fit these models [44]. The mechanical index (MI) is often used to estimate cavitation risk and is defined as
	
	
	Eq. 1.15


where the PNP is in megapascal and  is the center frequency in megahertz. A theoretical study for MI, when performing ultrasound acoustic radiation force imaging (ARFI) pulses, found that the effect of longer duration pulses used for ARFI have only minor changes on the inertial cavitation threshold in tissue [45]. In this theoretical modeling of tissues, the exponent on the frequency in the MI equation was found to potentially be lower than necessary. Written as  where n = 0.5 currently, a value of n = 0.75 fits the calculation for inertial cavitation threshold for tissues with optimally sized bubbles. When these theoretical calculations were compared against the limited number of reported values for cavitation thresholds in tissue, it was found that the theoretical estimates were much smaller than the reported values, suggesting that optimally sized bubbles are not present in these tissues and that MI may not be the best estimate of cavitation damage in biological tissues [45]. Nonetheless, this discrepancy between theoretical and experimental data suggest an overestimation of risk so pulses which are below the current MI limits are more likely to be safe. 
The FDA limits the maximum MI for imaging pulses to 1.9 with a smaller value of 0.23 for ophthalmic imaging  [12], [46]. Isppa, defined in equation 1.8, is a second metric used by the FDA to ensure safe pulses. Isppa represents the average intensity at the spatial maximum during a single pulse with units of W/cm2 and cavitation risk will increase is increasing intensity. The FDA limit for Isppa for imaging pulses is 190 W/cm2  except in ophthalmic imaging where the limit is 28 W/cm3 [12], [46]. 

[bookmark: _Toc71289103]1.3.2—Thermal

Thermal effects of ultrasound are driven by absorption of ultrasound causing viscous heating. Heating will be increased whenever there is more ultrasound being absorbed which can be caused by longer pulses, higher pressure, or higher frequency. Ispta, defined in equation 1.9, of ultrasound sonication has units of mW/cm2, and since this is the intensity over time thermal risk will increase with increasing Ispta. FDA limits for Ispta vary from 17 mW/cm2 for ophthalmic imaging to 720 mW/cm2 for peripheral vessels [12] . 
 If biological tissues heat too much or for too long the cells will be damaged and can die. This heating is used therapeutically to kill diseased tissues in the body but should be avoided in off-target regions and for other uses of therapeutic ultrasound. Heating tissue to a high temperature can kill the cells in a relatively short period of time [47]. Exposure to heat for a long duration can also kill cells within the body. A common metric when assessing the likelihood of cell death is the cumulative minutes at 43°C (CEM43). This metric is calculated from the following equation
	
	
	Eq. 1.16


where T is the temperature during the timestep  and R is equal to 0.5 above 43°C and 0.25 under 43°C [48]. An increasing value for CEM43 increases the likelihood of cell death where 240 equivalent minutes is often used as a measure of treatment volume for ablation [49][50]. 

[bookmark: _Toc71289104]1.4—Transcranial FUS Applications

FUS has a number of transcranial applications for both clinical and research settings. The ability to deposit energy within a localized region of the brain without opening the skull provides clinicians and researchers new possibilities when treating and studying the brain.  Ultrasound energy can be applied to kill tissue with heating or mechanical disruption. FUS can be used in conjunction with microbubbles to open the BBB, or with nanoemulsions to locally release drugs. FUS can be used on its own to modulate neural activity. Because the methods require selective localization it is important to be able to accurately target and confirm the focus location within the brain before applying the therapy. 
FUS ablation has been used clinically to treat essential tremor by heating and killing cells in the thalamus [3], [51]–[53]. Essential tremor causes uncontrollable shaking of the patient’s hand which natively impacts the quality of life. The ability to surgically ablate the thalamus without having to remove the skull allows physicians to perform surgery with minimal risk of harming healthy brain tissue. FUS thalamotomy has shown a decrease in measured essential tremor over a long period of time in treated patients [52]. Ablation can also be used outside of the brain to treat prostate cancer [49] and uterine fibroids [50], [54], among other conditions.
Histotripsy is the use of very high pressure short duration FUS pulses which can mechanically disrupt and kill cells [2]. These pulses can be used to target brain structures while minimizing the risk to healthy tissue. Histotripsy pulses have been applied to open porcine brains and were able to generate large lesions while maintaining very tight boundaries between the treated and untreated tissue [55]. In addition to brain tissue destruction, histotripsy pulses have been used to liquify blood clots in vitro while sonicating through an intact human skull [56]. These papers together show an ability to affect biological tissues through the skull in order to treat clotting or tumors. For this technique to be applied clinically it will be important to only apply these FUS pulses to regions which need treatment.
FUS can be used for nondestructive therapy as well. Targeted drug delivery within the brain through BBB disruption or targeted drug release within the brain can be achieved with FUS. By introducing microbubbles into the blood stream and then sonicating within the brain, stable cavitation can force open the tight junctions in the brain [57]–[60]. This opening of the BBB allows for large molecules to be delivered to the brain which could not ordinarily cross the BBB. In a rat model the chemotherapeutic agent doxorubicin was able to be selectively delivered to one side of the brain by sonicating microbubbles circulating in the blood [61]. Similarly, BBB opening has been used to transfect neurons at specific brain regions to encode specific proteins [62], [63]. By forcing the expression of FUS responsive proteins it is possible to selectively modulate neural activity in the areas where the BBB was opened allowing study of brain function [62]. 
Similar to BBB breakdown, nanoemulsions can be used for targeted drug delivery. These nanoemulsions, which consist of a perfluorocarbon and drug of interest surrounded by a block copolymer, will release the drug when the particle is sonicated [7]. This allows for a very high local drug dose while the systemic dose is below clinical levels. With this targeted drug release tool, specific areas of the brain can be subjected to drug levels for clinical or research purposes. Propofol loaded nanoparticles were used in a rat model and its brain was sonicated during a functional PET imaging session. The area of the brain where the FUS beam was located showed reduced glucose uptake and changes in functional connectivity maps were observed throughout the brain [64]. Delivery of anesthetics to spatially selective locations within the brain can help to understand how overall brain connectivity works by analyzing the changes throughout networks connected to the target. 

[bookmark: _Toc71289105]1.4.1—Neuromodulation 

Research has found that the application of FUS to brain tissue can lead to neuromodulation and the work presented in this dissertation contributed to ongoing neuromodulation studies [10], [65]. Both stimulation and inhibition has been observed with different FUS parameters. Reversible effects of ultrasound on neurons was first reported in the 1950s [66]. Ultrasound pulses through craniotomies in animal models showed elimination of cortical potentials evoked by a light stimulus following ultrasound exposure but these cortical potentials returned to baseline in a matter of minutes [67]. In 2008 Tyler et al. reported that low intensity, low frequency pulsed ultrasound was able to stimulate brain tissue samples ex vivo [68]. Further work was done in small animal models where the application of FUS to the brain resulted in changes to EMG signal or motor response in the tail or leg [69], [70]. The FUS pulses used in these studies were able to generate responses while maintaining Isppa and MI below the highest FDA limits. A rodent study of various FUS parameters on the likelihood of observing EMG changes found an increased likelihood of stimulation with increasing Isppa, Ispta, sonication duration and PRF. Lower frequency sonications caused stimulation at lower intensities compared to higher frequency sonications [11]. Following exposure to FUS, electrophysiology measurements of somatosensory evoked potentials can be altered for many minutes suggesting that the effects of FUS may induce long term changes to neuron activity allowing further clinical opportunities [71]. Suppressive effects have been observed in electrophysiology measurements of visual evoked potentials in rodents with FUS [72]. Yoo et al. tested the spatial selectivity of FUS neuromodulation in a rabbit model using fMRI as a readout for brain activity by targeting specific brain areas [73]. In that study both stimulation of motor areas and suppression of visual areas were observed with different FUS parameters and in both cases the parameters were below the highest FDA limits for imaging pulses [73]. 
Experiments in NHPs allow for more complex behavior to be tested and the brain of a NHP shares more similarities with humans than small animal models [74]. The effects of FUS neuromodulation on NHP visuomotor behavior has been tested by sonicating the frontal eye field and observing eye motion tasks [75]–[77]. These studies found changes in the amount of time required for an eye motion task when the brain region responsible for eye motion was sonicated. In one of the experiments, electrophysiology measurements were taken at a distant, connected region of the brain and changes were observed in real time [76]. Brain activity has been measured using fMRI in NHPs to test the effects of FUS neuromodulation. Modulation of the somatosensory cortex responsible of paw touch reception with FUS has been compared to a direct tactile stimulation of the paw [10], [65]. The brain activity in the sonicated area of the brain and connected regions had similar responses to the tactile stimulation, however differences were observed in the latency of the response. This suggests a difference in the signal conduction pathway for when FUS stimulation was applied in the brain circuit compared to the normal stimulation [10]. When the FUS was applied to the somatosensory cortex while tactile stimulation was occurring, a suppression effect was observed, suggesting that FUS neuromodulation is state dependent [65]. Circuit level effects of FUS neuromodulation have been studied by sonicating brain regions in between resting state fMRI measurements. Following FUS neuromodulation circuit level changes were observed throughout the brain for regions connected to the sonicated area [9], [78]. 
FUS neuromodulation has been applied to humans as well. FUS was applied to the regions of the brain responsible for tactile sensations which resulted in the study participants reporting feeling sensations in their hands [79]. Changes in electrophysiology recordings were observed in addition to tactile sensations when stimulating this brain region [80]. Similarly, effects on electrophysiology records were observed in a different study where the spatial selectivity was also tested by moving the transducer to a new target eliminated the observed effects [81]. Behavior tasks have been used in addition to electrophysiology records to measure the effects of FUS neuromodulation. When stimulating the human primary motor cortex, a reduction in the amplitude of electrophysiology signals was observed along with a reduction in the reaction time to a stimulus response [82]. When targeting the thalamus, participants performed significantly worse than chance on a discrimination task during FUS sonications and electrophysiology signal amplitudes were also reduced [83]. 
These applications of transcranial FUS described here present a wide range of possibilities for better understanding of brain function and therapeutic treatments. FUS allows for spatially precise areas of the brain to be sonicated with the sonication effects limited to only the millimeter scale focal area. In order to use these applications successfully it is necessary to be able to accurately aim the transducer at brain region of interest and confirm that the FUS energy is localized at that target. When using FUS applications to localize the therapeutic focus prior to the actual treatment, there is risk that these sound waves may cause damage to healthy tissue. It is therefore important to be aware of the energy being used and limit the amount of energy needed to localize the FUS beam.


[bookmark: _Toc71289106]Chapter 2—Simulations, Measurements, and Guidance of FUS


This chapter will provide an overview of methods used throughout this dissertation to characterize and target ultrasound during transcranial application. A combination of methods including simulation, acoustic measurements, and closed-loop image-guided procedures are used to explore targeting accuracy and describe physical phenomena that occur during transcranial ultrasound. The present chapter describes the foundations of the tools used in this work and provides a context for how these tools are currently used in the field of transcranial ultrasound.
Because there is not a simple way to measure the ultrasound field during a transcranial procedure, researchers must rely on a combination of simulations, benchtop acoustic measurements, and real-time imaging to estimate the ultrasound fields that occur during therapy. Each method contributes different information. Simulations of pressure fields and heating are important for predicting the effects of transcranial FUS since direct measurement is difficult in vivo. Simulations allow for predictions of the transmission and aberration of the focus due to the skull and can help assess safety by predicting the heating that can occur due to the sonications. Laboratory measurements of the acoustic beam provide a basis for interpreting the simulation results and are required to assess the actual performance of the transducer being used for the experiments in terms of pressure output and focal shape. Imaging methods to visualize the FUS beam within the brain are important for knowing where the transducer is focusing sound during a procedure. Magnetic resonance imaging (MRI), can measure the effects of the FUS beam to provide feedback about its location and effects. Optical tracking can be used in conjunction with biomedical imaging to estimate the beam location on biomedical images for aiming the transducer. Taken as a whole, information from each of these interrogation methods improve our understanding of targeting accuracy, dosimetry, and safety concerns.

[bookmark: _Toc71289107]2.1—Simulating ultrasound and its effects on tissue

Simulations of the FUS pressure field provide insight for both experimental planning and retrospective data analysis. Simulations through rodent skulls have revealed that in vivo pressure distribution and magnitude can be significantly different from a free field map of the pressure due to interactions with the skull [70]. Since the physical properties of the skull cause changes to the wave propagation, transcranial simulations have been used to estimate these changes and correct for them to maximize the focal energy [84]. The effects of FUS on tissue is pressure field dependent, thus when planning an experiment it is important to understand the distribution of the pressure field and when analyzing data it is important to understand what tissue was exposed to FUS and what was not. As discussed in section 1.3, FUS can harm healthy tissue through both thermal and mechanical effects and simulation can be used to manage the potential risk to tissue.  
Generally, simulations work by solving the wave equation on a discretized grid that represents the area of interest for an experiment. Many variations on approaches to using computation to predict an acoustic focus have been developed to balance the competing interests of computation time, grid size, and accuracy. Simulations on homogenous media can be performed relatively quickly by solving the Rayleigh-Sommerfeld integral to simulate the distribution of a complex pressure field emitted from a transducer in a large area [32]. The transducer is modeled as a collection of point sources and the Rayleigh-Sommerfeld integral sums the contribution of each of these points sources to estimate the pressure field [85]. This method has also been used in the design of transducers as it can simulate a large parameter space of design characteristics quickly but is not able to account for complex interactions in biological media [1]. Finite difference time domain (FDTD) simulations use numerical approximations of the spatial and temporal gradients about each node of a grid [86]. FDTD allow for arbitrary physical and acoustic properties throughout the grid which provide the ability to simulate FUS propagation through complex media like the skull [87]. Since the resolution of the simulation is determined by the grid spacing, these simulations can take a long time to complete or can only simulate a small area, though methods to perform these simulation at different resolutions within the grid can improve the speed of this simulations while providing accurate results [88]. The hybrid angular spectrum (HAS) method of simulation uses a grid of voxels where each voxel can have its own physical and acoustic properties. The spatial pressure field is simulated one plane at a time away from the transducer in the space domain and the spatial frequency domain [89]. This allows the simulations to be performed much faster while still simulating complex media. In determining the phases needed for aberration correction with simulations, HAS was shown to be over eight times faster compared to FDTD methods while having minimal difference from the FDTD solution [90].
Pressure simulations can be used as an input for heating simulations to can provide estimates for treatment when performing thermal therapies. Resultant thermal maps can be used to estimate the safety of other applications where heating may pose risk of damage or influence the results of experiments. Simulations provide an important safety measure for both mechanical and thermal risk during transcranial FUS procedures and an ability to estimate the exposed tissue during experiments [31], [82], [83], [91], [92].

[bookmark: _Toc71289108]2.1.1—The K-Wave simulation package

The work in this dissertation uses the k-Wave package for MATLAB for all simulations [93]. This package solves acoustic equations using a k-space pseudospectral method on a Cartesian grid. A  Fourier series is used to calculate the spatial derivatives for the wave equation which allows these calculations to be performed quickly by computers and requires fewer grid points per wavelength to accurately calculate the derivatives. The time domain gradients use a pseudospectral method to improve the numerical stability while using larger time steps compared to a FDTD method [93]. The k-Wave package can simulate heterogenous media while balancing the benefits of a full FDTD simulation of every spatial and temporal point with computational and speed advantages in HAS since both the spatial and temporal grid step size can be increased without sacrificing accuracy [94]. In transcranial simulations the FDTD and k-Wave package showed similar error while fewer points per wave were needed with the k-Wave package [95], [96].  

[bookmark: _Toc71289109]2.1.2—Bioheat simulations

The heating of biological tissues can be modeled using Pennes’ bioheat equations [97]. The equations add the effects of blood flow to diffusive heating modeling. Tissues are modeled with their thermal conductivity, specific heat, and perfusion. The ultrasound pressure field and the parameter maps for absorption, speed of sound, and density are used to calculate the rate of heat deposition in W/m3
	
	
	Eq. 2.1


where Q is the volume rate of heat deposition,  is the absorption coefficient, p is the pressure amplitude,  is the density, and c is the speed of sound [98]. This heat source can be turned on and off during the simulation to represent the FUS being turned on and off. 

[bookmark: _Toc71289110]2.1.3—Deriving acoustic parameters for simulation

	To perform transcranial simulations, accurate physical and acoustic properties of the tissues must be known. The largest variation in material properties will be in the skull. Equation 1.10 shows that reflections are dependent on the difference in the acoustic impedance of the two media, therefore the density and speed of sound for each must be accurately inputted for simulations. Additionally, because the absorption is dependent on the absorption coefficient and the distance traveled through the tissue (equation 1.12) the absorption coefficient and the spatial thickness of tissues is important. 
The current gold standard for transcranial simulations uses data from computed tomography (CT) scans to estimate the physical parameters of the skull. CT scans use a number of different x-ray measurements taken at different angles to create cross section images of the object of interest. Areas with a higher radiodensity will attenuate the x-ray beam more. CT data is generally presented in Hounsfield units (HU), where higher HU indicates greater density. Hounsfield units scale such that air is -1000 HU, water is 0 HU, and bone is generally around 1000 HU. 
CT data in HU can be converted into parameters of interest for acoustic simulations (density, speed of sound) and these parameter maps are then used in the acoustic simulation. Aubry et al present a set of equations to estimate the porosity from CT data and then calculate parameter maps from this porosity map
	
	
	Eq. 2.2


where  is the porosity and HU is the Hounsfield units for a voxel. Acoustic parameter maps then follow
	
	
	Eq. 2.3



	
	
	Eq. 2.4


where  is the density of water,  is the maximum expected bone density,  is the speed of sound in water, and  is the maximum expected speed of sound in bone [99]. [bookmark: _Toc71289072]Figure 2.1: Example of CT images of an ex vivo skull sample with different energies and reconstruction filters. The Hounsfield units for a given voxel can vary based on the these factors. Note the changing color bars with larger HU values for lower energies and when comparing the bone filter to the soft tissue filter at the same energy. 

These equations provide an estimate of the acoustic parameters of interest but there can be variation based on how the CT data is acquired. The measured HU of a sample can vary based on scanner type, x-ray tube energy, and reconstruction filter [100]. An example of these variations can be seen in figure 2.1 where the same CT scanner was used to acquire images of an ex vivo skull at four different x-ray energies and these data were reconstructed with two different filters. In a region of the skull the measured HU decrease with increasing x-ray energy. The measured values also change when the reconstruction filter is changed with a bone reconstruction filter resulting in larger HU in the skull and more noise compared to the soft tissue filter (figure 2.1). 
Similar methods using CT data to calculate physical and acoustic parameters have been described in other papers with small variations. These different methods can result in speed of sound estimates that vary by 100s of meters per second for bone and the estimates are dependent on the x-ray energy [100]. Accounting for the x-ray energy is important to improve the accuracy of the conversion of HU to speed of sound but experimental findings suggest that some of the variation in speed of sound is not explained by HU changes [100]. A comparison of simulations with homogenous acoustic parameters in the skull and CT derived values found significant shifts in pressure and focal location for only some skull geometries suggesting the variations in parameters will not always cause noticeable shift in the simulation results [101]. Ultrashort echo time (UTE) MR imaging has been used to estimate parameters for FUS treatments by converting the UTE data into virtual CTs for simulations. Aberration correction was tested using UTE on ex vivo bone samples and was able to improve the transcranial focus [102]. Pressure and thermal simulations using CT and UTE images for a thermal therapy resulted in similar results for both imaging modalities [103]. Further validation of UTE is needed before it can replace CT imaging for simulation parameters, but the lack of need for ionizing radiation and the ability to perform all the scan on a single scanner for MR guided procedures make UTE a promising method. 

[bookmark: _Toc71289111]2.2—US measurement and localization

In order to apply focused ultrasound through the skull it is important to be able to estimate the transcranial pressure field. Challenges in directly measuring the pressure in vivo necessitate methods for estimating the transmitted pressure distribution and for measuring effects of the pressure. Laboratory measurements can be made with hydrophones to assess the pressure output and distributions in water tanks in the free field or though ex vivo samples. Simulations can be used to estimate the pressure in more complex tissues as described above, these simulations often use laboratory measurements as an accuracy check. Finally, experimental data can be collected using imaging methods to assess the effects of the FUS such as heating or displacement. MRI is widely used with transcranial FUS as it provides the ability to images heating due to thermal deposition or displacement from the acoustic radiation force.

[bookmark: _Toc71289112]2.2.1—Hydrophone based calibration

It is important to know the ultrasound pressure for transcranial applications. The pressure at the focus can be measured in a water bath giving the free field pressure of the beam. This measurement is made using hydrophones which convert pressure changes at the sensing area to a voltage signal which can be measured on an oscilloscope. The work in this document uses two types of hydrophones: a ceramic needle hydrophone (HNC-0400, ONDA, Sunnyvale, CA, USA) and a fiber optic hydrophone system (FOH, Precision Acoustics, Dorchester, UK). The measurement of the pressure is made by aiming the transducer into a water tank and placing the hydrophone at the focus with its sensing element facing the transducer. The hydrophone is moved the focus location with a three-axis stage by maximizing the hydrophone signal. The output of hydrophone is measured with an oscilloscope that is synced with the transducer. A series of driving amplitudes are used to sonicate and the voltage at the focal location is measured. These measurements are then fit to line to estimate the receive voltage at given driving amplitude or the reverse. Calibration files are provided by the manufacturer to convert the measured voltage to pressure based on the frequency dependent sensitivity of the hydrophone being used. The driving amplitude needed to generate any specific pressure can thus be known. 
The ceramic needle hydrophone sensing element is a small piezoelectric element (0.4mm diameter) which acts as a transducer as previously described in section 1.2. When a pressure change occurs at sensing element, the sensing element changes size which causes an electrical signal to be generated. This electrical signal can then be detected and converted to a pressure measurement. The fiber optic hydrophone sensing element consists of a thin polymer spacer between two mirrors. A laser is incident on these mirrors and with interferometry the optical thickness of this polymer spacer can be measured. Pressure and temperature changes can be estimated by measuring the change in the thickness of this polymer spacer [104]. 
The uncertainty in hydrophone measurements comes from multiple sources but the largest contributor is the uncertainty in the calibration. Each of these hydrophones used in this work have a different error reported by the manufacturer. As part of a neuromodulation study where consistent pressure estimates were required [10], [65], repeated measurements of a transducer output were taken with the ceramic hydrophone to estimate the pressure. Four measurements taken over a span of more than a year found the driving voltage to achieve 425 kPa to be 66.95 mVpp with a standard deviation of 0.51 mVpp. This represents very consistent measurements over time and provides a good estimate of relative pressure increase with increasing driving voltage. However, the uncertainty in the conversion factor from hydrophone receive voltage to pressure at the frequency in use was 3 dB for this hydrophone. This uncertainty results in a pressure range from 301 kPa to 600 kPa. Using measurements from the optical hydrophone for this driving voltage results in a pressure estimate of 516 kPa. The fiber optic hydrophone has a manufacturer reported uncertainty of 9% resulting in a pressure range of 470 kPa to 562 kPa (see the appendix A of [65]). While the fiber optic hydrophone system has a lower calibration uncertainty and is able to measure larger pressure amplitudes providing important data for safety studies, it is also important to use consistent pressure estimates when performing experiments. 

[bookmark: _Toc71289113]2.2.2—Image guidance and feedback

Image guidance of FUS procedures is necessary to accurately target specific regions for treatment and often is used to assess treatment. Most image guidance for FUS procedures is performed with ultrasound or MR imaging. For transcranial applications of FUS MR guidance is most common and is what is used in this work. MRI measures the interaction between atomic spins and magnetic fields and is most often used to image hydrogen spins in biomedical imaging. Different MR sequences can provide contrast for a number of biologically interesting features. Both anatomical and functional imaging can be performed which provides the ability to measure functional changes in anatomically distinct brain regions. Imaging sequences can also be used to measure the effects of FUS on tissue. Image guidance is used to both locate the targets of interest during an experiment with anatomical or functional imaging and to assess the treatment by measuring the beam location and monitoring for heating or other effects. 

[bookmark: _Toc71289114]2.2.3—MR thermometry 

When a tissue is heated, the hydrogen bonds of water molecules within the tissue will be more likely to break. This results in less shielding of the magnetic field by the electrons compared to the water molecules with hydrogen bonds. Since the proton resonance frequency is dependent on the magnetic field, this increased shielding leads to a lower proton resonance frequency wherever the tissue is heated and this shift in the proton resonance frequency will scale with the amount of heating. By repeatedly imaging with a gradient echo sequence it is possible to map the phase changes induced by the changing proton resonance frequency and calculate the temperature change over time. The temperature change can be calculated as follows
	
	
	Eq. 2.5


where  is the phase at the current time,  is the phase at a baseline before heating was initiated,  is the gyromagnetic ratio,  is the proton resonance shift coefficient,  is the magnetic field strength, and TE is the echo time. The proton resonance frequency shift coefficient varies little for non-fat tissues and is similar to water of -0.01ppm/C [105]. 

[bookmark: _Toc71289115]2.2.4—MR-ARFI[bookmark: _Toc71289073]Figure 2.2: Basic MR-ARFI pulse sequence. A spin echo sequence is used and various read out work. Two motion encoding gradients are played out on either side of the 180 pulse and in line with the ultrasound propagation direction.  The gradients are generally played at maximum amplitude (G) and slew rate for a fixed duration (d). The FUS pulse triggered with some delay (t) relative to one of the gradients. The displacement induced by the FUS pulse result in a phase change only in locations where the focus is located.


Magnetic resonance acoustic radiation force imaging (MR-ARFI) provides a method to localize the ultrasound beam by imaging direct effects of the intensity. As discussed in section 1.1.4, the force of the beam is proportional to the absorption of the tissue and the intensity of ultrasound. When this force is applied to a tissue, a micron scale displacement can be generated. These displacements, which match the intensity distribution of the beam can be imaged using ultrasound or MRI. 
With MR-ARFI these small displacements can be encoded using motion encoding gradients (MEG). An example of a gradient echo MR-ARFI pulse sequence is shown in figure 2.2. These gradients are generally high strength to encode these small displacements and short duration and separation to reduce diffusion weighting in the image. When a region of tissue is displaced in the same direction as the MEG it will experience a different magnetic field compared to its rest position. Because of this different magnetic field the displaced area will accrue a different phase compared to tissue which did not displace. These measurements are then repeated with the MEGs inverted to double the phase difference. The resultant phase map can then be converted to displacement by using known values of the MEG strength and duration
	
	
	Eq. 2.6


where  is the calculated displacement,  is the measured phase change,  is the gyromagnetic ratio, G is the MEG strength, and d is the MEG duration [25].
Improving the sensitivity of the MR-ARFI sequence to small displacements allows less FUS energy to be used to localize the beam. The shape of the MEGs can be altered to improve the SNR of the sequence. Chen et al found that using bipolar gradients rather than unipolar gradients provides a large SNR increase for long duration MEGs [106]. The time and number of sonications required for an MR-ARFI sequence can be reduced by using fast readout methods. A single shot echo planar readout sequence was developed by Kaye et al. to rapidly detect the displacement induced by the focus [107]. Similarly, Paquin et al demonstrated a partial k-space method, keyhole acceleration, to reduce the time and FUS energy during beam localization [108].

[bookmark: _Toc71289116]2.3—Optical tracking

Optical tracking has been used to estimate the focus location prior to sonication. Since the focus of the FUS beam is only a few millimeters in diameter, aiming the transducer at the correct brain target can be challenging. Optical tracking provides a method to visualize the focus location on preacquired images of the brain to more accurately target specific structures. Optical tracking has been used for targeting in blood brain barrier opening in both research [57], and clinical settings [40] and in neuromodulation in large animals [10], [65], [109]. In these studies, optical tracking is used to position the transducer to the anatomical region of interest. The location of the beam was able to be measured using PCD monitoring [57] or MR-ARFI [65] in some of the studies to confirm the beam was on target.

[bookmark: _Toc71289117]2.3.1—General principles

Optically tracked tools are widely used in surgical areas where prior imaging can be used to allow for more accurate procedures. External tracking of tools can be used to identify the location and orientation of the tool in a tracked coordinate system which can be registered to the image coordinate system [110]. A stereovision camera system can be used with a known pattern of reflective spheres that are rigidly fixed to the tool to measure the location and orientation of the tool [110], [111]. This camera based coordinate system can be registered to the image based coordinate system using a point based registration between two sets of points in camera space (xi for i = 1 to N) and image space (yi for i = 1 to N) [111], [112]. A translation, t, and rotation, R, are needed to align the set of camera points with the corresponding image points. Since there is error in these measured locations, the translation and rotation will result in the two sets of points not being perfectly aligned. We want to find the translation and rotation which minimize the root mean square distance between these sets of points. This distance is referred to as the fiducial registration error (FRE), where
	
	
	Eq. 2.7


The optimal translation can be found by 
	
	
	Eq. 2.8


where the bar represents a mean from i = 1 to N [111], [112]. The optimal rotation is more difficult to calculate but a number of algorithms have been developed which are equally good at calculating R [113]. 
	In addition to FRE two other errors are often reported with optical tracking: fiducial localization error (FLE) and target registration error (TRE). The FLE is the distance between the true point of a fiducial marker and its measured position. The TRE is the error between corresponding non-fiducial points in the two spaces. This error represents the error between the estimated tool tip location and the true tip location [111]. For focused ultrasound the TRE is the error between the predicted focus location and the measured focus location and is of most interest when localizing the beam beyond the skull. 
These same methods can be applied to focused ultrasound. By optically tracking the focus of the ultrasound beam and using preacquired images it is possible to aim the transducer at targets within the brain with good accuracy. A number of transforms are needed to bring the ultrasound space into an image space where the predicted focus location can then be visualized. This method allows the user to place the focus on the brain region of interest without applying any ultrasound energy. 

[bookmark: _Toc71289118]2.3.2—Optically tracked methods

We can denote a location in coordinate in a given space A as and a transform from coordinate system A to coordinate system B by . The inverse of the transform is the same as a transformation in the opposite direction so that  An optical tracker is placed on the FUS transducer and the location of this tracker can be recorded in real time. Since the goal of optical tracking is to visualize the FUS beam in a preacquired image, four spaces, the image space (I), the physical space (P), the tracker space (T) and the ultrasound space (U), and the transforms between each space are needed. We can thus use the following equation to find a coordinate in image space from a coordinate in ultrasound space
	
	
	Eq. 2.9


A coordinate in ultrasound space can then be found from a coordinate in image space by using the inverse transforms. Each of these transforms is measured in a different manner. 
The transform from ultrasound coordinates to the tracker location, , can be measured experimentally in a number of ways. A rod that matches the distance from the tracker to the focus and about which the tracker can be pivoted provides a basic way to associate the focus location with the tracker position [114]. This rod-based method was tested with MR thermometry and found to have a TRE of 4.4 mm. However, using the MR data to apply a bias correction, the transformation error was reduced to 1.9 mm [114]. A 3D beam map of the transducer can be transformed into image space by using optical tracking of a hydrophone tip during the beam map and determining the transform from the transducer tracker to the hydrophone data [115]. In that study, optical tracking was used to record the hydrophone tip location and orientation simultaneously with the location and orientation of a tracker on the transducer. This data could then be used to project the beam map into image space, providing greater information about what brain regions will be sonicated compared to a single point. Using MR thermometry and MR-ARFI the TRE of this system was found to be as low as 2.4 mm [115]. A method using an optically tracked hydrophone with a steered array is presented in chapter 5. 
The transform from tracker space to physical space is measured by the camera system and can be recorded on its own or passed into other software. The camera is able to image a pattern of reflective spheres and register these to a known position using equation 2.8. This registration provides and translation and rotation for the tracked tool. Finally, the transform from physical to image space can be measured using objects that can be localized in both spaces. Fiducial markers that can be localized in the camera space with an optically tracked stylus and localized in a MR image are used to facilitate a point-based registration as described with equation 2.8. These two sets of coordinates can then be registered together to find the transform between the two spaces and the FRE of this transform can be measured to estimate how good the transform is. 
Because the focus location is generally only known in the free field, optical tracking does not account for any aberrating effects of the skull. Indeed, even if the transducer is not coupled to the head, it will still project the focus in the image of the target which may cause the user to think it is targeted well when no sound will propagate. A follow up measurement can be performed to assess if the beam is in the correct location using MR thermometry or MR-ARFI [114], [115]. Measurements of the accuracy of optically tracked FUS systems generally result in less than 3 mm of error. The two neuromodulation systems previously mentioned resulted in 1.9 mm [114] and 2.4 mm [115]. Two other systems developed for BBB opening and using commercial neuronavigation reported mean errors of 3.1 mm [57] and 2.3 mm [116].
	Optical tracking and image guidance provide tools to accurately aim the FUS transducer at a target of interest and assess if the target is being sonicated. With the addition of accurate measurement and simulations of the beam it is possible to limit the risk of damage to tissues by localizing the beam to only the target of interest and being aware of the amount and spatial distribution of FUS energy within the head. Beyond safety, it is important to understand this distribution of energy to analyze the results of experiments and predict treatment outcomes. The tools described in this chapter are used throughout the work in this dissertation.

[bookmark: _Toc71289119]Chapter 3—Considerations for Ultrasound Exposure During Transcranial MR Acoustic Radiation Force Imaging[footnoteRef:1] [1:  The work described in this chapter was part of shared first author publication [91]. MAP explored the safety considerations of the FUS pulses using simulations and MR thermometry and ARFI and SVJ designed and programmed the MR-ARFI sequence. ] 



[bookmark: _Toc71289120]3.1—Introduction

Researches are increasingly interested in using FUS for neuromodulation [117]. FUS provides a method to noninvasively target millimeter scale regions of the brain for neuromodulation. FUS can also influence neural activity by targeted drug delivery [6], [64] or ablation of regions of the brain which contribute to disease [52]. For all of these applications of transcranial FUS it is important to accurately target the brain region of interest and to know where the focus is located during treatment. 
For clinical ablation procedures, a small temperature rise is induced in the tissue [3] and its location is measured using MR thermometry [105]. However, too much heating at either the target or in an off target region, which may not be within in the image field of view, can cause damage to otherwise healthy tissue [51], [118], [119]. The brain is also known to be sensitive to temperature changes [120] and for neuromodulation studies the neurological changes induced by the targeting pulse will be mixed with any effects of the neuromodulation pulse. Optical tracking has been used to target brain regions [10], [57]. While optical tracking provides an estimate of the transducer location, it is offline and typically only overlays a free-field estimate of the transducer focus. A real-time method to visualize the acoustic focus that would not cause bioeffects or confounds would be desirable.
MR-ARFI is a promising method of localizing the FUS beam for neuromodulation. MR-ARFI uses motion encoding gradients (MEG) to image the displacement induced by the FUS beam [25]. These displacements are caused by the acoustic radiation force acting on the tissue. Since the acoustic radiation force is proportional to the intensity of the FUS the displacement maps generated by MR-ARFI provide an accurate map of the FUS location within the brain. MR-ARFI has been shown beyond an ex vivo human skull [121] allowing the beam location to be measured for transcranial applications of FUS. 
An ideal targeting and visualization method for transcranial FUS would not cause any bioeffects at the target or in off target areas. There are two major sources of potential damage with ultrasound: heating and cavitation [122]. As an ultrasound wave moves though tissue some of the energy is absorbed and converted to heat (see section 1.3.2). The amount of heating depends on the ultrasound parameters used and the tissue type. The attenuation coefficient of the skull (up to 20 dB/cm/MHz) is much larger than the attenuation coefficient of brain tissue (approximately 0.6 dB/cm/MHz) [15]. The rarefaction of FUS waves can also cause cavitation in tissues where bubbles are formed and collapse and these bubble collapses can damage tissue. For these reasons it is important to limit the FUS energy as much as possible to minimize potential damage or off target effects of the ARFI targeting pulse. 
As part of a larger project studying the effects of FUS on the tactile circuit in a NHP [10], MR-ARFI methods were developed and the safety of the FUS pulses was studied. Simulations were used to estimate the pressure and heating during MR-ARFI sonication pulses and MR thermometry measurements were made during in vivo sonications to assess safety. The in vivo displacement was measured at decreasing FUS pressures to determine the lowest energy needed for localization. By analyzing thermal deposition and pressure and comparing with observations made with MRI, our study highlights important parameters to consider to minimize bioeffects when mapping ultrasound beams with MR-ARFI.

[bookmark: _Toc71289121]3.2—Methods

[bookmark: _Toc71289122]3.2.1—Pressure estimates

A spherical cap single element transducer (Sonic Concepts H115MR) was used for all experiments. The radius of curvature is 63.2 mm and the aperture is 64 mm. The transducers center frequency is 250 kHz and was operated at its third harmonic of 802 kHz. The transducer was placed in a 3D printed coupling cone which could be filled with water and had a 3 cm aperture. Acoustic measurements were made with a needle hydrophone (HNC 0400, Onda Corp., Sunnyvale CA). The free-field pressure from the FUS transducer was measured for a series of input voltages up to a MI of 1.2 and a calibration curve was determined from this data set which was used to estimate pressures used for simulations and MR-ARFI.
An ex vivo skull fragment was used to estimate pressure loss due to the skull. The skull fragment is approximately 7 × 6 × 3 cm in dimension with a thickness between 2 and 3 mm and is from the top of the skull. The fragment was placed in degassed water for 24 hours prior to the measurements to rehydrate the fragment. The FUS transducer was coupled to the side of a water tank through a thin plastic acoustic window, and the needle hydrophone’s voltage was recorded with the transducer driven at 802 kHz. To account for variations in thickness and incident angle the pressure during transcranial sonications was measured at the free-field focal location for five different placements of the skull. The transmission percentage was taken to be the ratio of pressure measured with and without the skull present. This transmission percentage was used to derate our free field pressure values to estimate the focal pressure within the brain for in vivo studies.

[bookmark: _Toc71289123]3.2.2—Pressure and thermal simulation 

The k-Wave package [93], [94] was used to model the NHP skull fragment surrounded by brain tissue for pressure and thermal simulations. The skull fragment was placed in degassed water for 48 hours to rehydrate and then embedded in 1% agar. A CT scan of the NHP skull fragment was acquired on a clinical PET/CT scanner (Philips Vereos PET/CT, Philips Healthcare, Best, NL). The scans were collected at 140 kVp and 300 mAs and with an in-plane resolution of 0.19×0.19 mm and a slice thickness of 0.67 mm. The data were reconstructed with soft tissue (filter type ‘B’) and bone (filter type ‘YC’) filters and the reconstructions were in HU. For simulations, the image volume was resampled to isotropic 0.3 mm voxels using the imresize3 function in MATLAB (Mathworks, Natick, MA, USA). 
The dynamic range of the CT data was compressed so that the resulting speed of sound and density maps better resembled previously reported values. To determine the high range of data A 400 bin histogram (the bin size was approximately 7 HU but varied depending on initial HU minimum and maximum values) was generated. The HU value from the highest bin with at least 500 voxels was set to be the maximum HU for the skull. The CT data was then compressed so that all values below 0 HU were mapped to 0 HU and all values above the maximum threshold were remapped to that value (1632 HU for the bone reconstruction filter). The soft tissue filter was used to generate a mask of the skull fragment. This mask was used to generate the parameter maps for acoustic absorption, thermal conductivity, and specific heat in the simulations (table 3.1). The bone filter reconstruction data was used to generate the parameter maps for speed of sound and density using a method similar to Aubry et al. [99]. The porosity was estimated for each voxel as ϕi = 1 − (HUi/max(HUvolume)). This value was then used to calculate a speed of sound and density for each voxel ρi = ϕ*ρwater + (1 − ϕ)*ρbone; ci = (cMax − cMin)*(1 − ϕ) + cMin where ρwater = 1000 kg/m3, ρbone = 2100 kg/m3, cmin = 1500 m/s1, and cmax = 2900 m/s1. All grids representing the propagating medium were padded to a grid size of [Nx,Ny,Nz] = [300,280,280].

Table 3.1: Tissue properties used in the simulation grid
	Parameter
	Skull
	Non-skull

	Absorption (dB/cm/MHz)
	8
	0.4

	Thermal Conductivity (W/m/K)
	0.3
	0.5

	Specific Heat (J/kg/K)
	1700
	3600



The H115MR single element transducer was modeled in k-Wave so that the geometric focus was approximately 1cm past the inner surface of the skull fragment. The simulations shown in this chapter were computed retrospectively after acquiring in vivo data. An 80-cycle pulse was used as the input source for the transducer and the amplitude was set so that a free-field simulation resulted in the same pressure that was estimated for in vivo (methods described below). An additional pressure simulation was performed to compare our simulation results with our water tank measurements behind the skull fragment. For this simulation the free field pressure was matched to the measured free field pressure in the water tank (284 kPa) and then a simulation was performed through the skull to simulate the transmission loss in a water tank. A GPU-accelerated 3D k-Wave simulation was run on a workstation PC (HP Z820, Xeon E5, with 256 GB RAM, Hewlett Packard, Palo Alto, CA) with a 16 GB Nvidia Titan GPU (Nvidia, Santa Clara, CA). The maximum pressure was recorded for every voxel in the simulation grid.
Thermal simulations were performed using the k-Wave package to solve Pennes’ bioheat equation. The maximum pressure from the pressure simulation and acoustic absorption were used as the volume rate of heat deposition for each voxel. Due to computation constraints the thermal simulations were only performed in a region around the focus that constrained the part of the skull fragment that experienced the highest pressure. The thermal simulation grid size was [Nx,Ny,Nz] = [140,80,80] with 0.3 mm spacing in all dimensions. The heat source was turned on and off to simulate the FUS pulses used for MR-ARFI with 4.5 ms pulses with a 1 Hz PRF. A time step of 0.1 ms was used during the 4.5 ms ARFI pulses, while a longer time step of 5 ms was used during the “off” periods to ensure feasible computation time. 100 sonications were simulated and the temperature was recorded at each point in the grid for each time point.

[bookmark: _Toc71289124]3.2.3—MR imaging

MR thermometry was used to measure heating in vivo during MR-ARFI pulses. Sonications consisted of 4.5 ms pulses repeated at 1 Hz. A gradient recalled echo sequence was used with a FOV of 10 cm by 10 cm, 2 mm isotropic voxels, 5 slices that were 2 mm thick, and TE/TR 10/25 ms was used. The phase data were converted to temperature change with the follow equation
	
	
	Eq. 3.1


where  is the phase at the current time,  is the phase at a baseline before heating was initiated,  is the gyromagnetic ratio,  is the PRF shift coefficient,  is the magnetic field strength , and TE is the echo time [105]. Two regions of interest were selected, one around the focal location and one in the muscle above the skull to estimate skull heating.
To minimize the necessary energy to detect displacement signal the MEGs of the MR-ARFI sequence could be rotated to match the transducer using optical tracking information (for more detail this sequence worked see chapter 4 of [123]). A phantom was constructed to allow for rotation of the FUS transducer during MR-ARFI scans (figure 3.1). The phantom was a graphite-agar combination (4%/1% mass per volume) which displaced during MR-ARFI sonications. This phantom was physically connected to the coupling cone of the transducer which was filled with a 1% agar gel and a 6cm surface coil was positioned at the end of the coupling cone around the phantom. MR-ARFI images were collected with the MEGs aligned in each axis of the magnet coordinate system and in the transducer direction as measured by optical tracking. [bookmark: _Toc71289074]Figure 3.1: The phantom experiment allowed the transducer to be rotated relative the magnet coordinate system. The MEGs could be rotated to align with the beam propagation direction to measure the displacement at different MEG orientations. 

MR-ARFI images were collected with a FOV of 12 cm by 12 cm, 2 mm isotropic voxels, a single 2mm thick slice, and TE/TR of 17/1000 ms. The MEG were 3ms in duration with the scanners maximum gradient strength of 40 mT/m and a 4.5 ms FUS pulse was triggered 2 ms before the MEG. Four sets of phase images were collected to reconstruct the ARFI image, , , , and  where the + and – refer to the polarity of the MEG. Displacement maps could be measured from these phase images by complex phase subtraction  where  is the gyromagnetic ratio, G is the gradient strength, and t is the gradient duration. 

[bookmark: _Toc71289125]3.2.4—In vivo imaging

In vivo MR-ARFI was performed on two healthy adult macaque monkeys (M fascicularis) with the approval of the Institutional Animal Care and Use Committee (IACUC) at Vanderbilt University and in accordance with all relevant guidelines and regulations. The NHP was initially sedated with ketamine hydrochloride (10 mg/kg) and atropine sulfate (0.05 mg/kg) and then anesthetized with isoflurane (1.0–1.5%) delivered over oxygen. After intubation, the animal was secured by ear bars, eye bars and a mouthpiece in a custom-designed MR stereotaxic frame. A 2.5% dextrose in saline solution was infused intravenously (3 ml/kg/h) to prevent dehydration during the scans. Animals were artificially ventilated throughout the experiment. Temperature was maintained by a water circulating blanket. Heart rate and peripheral capillary oxygen saturation (SpO2; Nonin), respiration pattern and end-tidal CO2 (24–32 mmHg; SurgiVet) were continuously monitored and maintained during the entire scan period. The transducer was aimed at the somatosensory cortex, a target which was part of an ongoing neuromodulation experiment [10], [65]. Two experiments were performed to assess reduced energy, a set of rotated MEG gradients (aligned by optical tracking, 45° off, and 90° off) for an in vivo test of the MEG rotational response and a set of three different sonication pressures (free field PNPs of 1.68, 2.25, and 2.81 MPa) were used to test how much energy is needed to detect the focus.

[bookmark: _Toc71289126]3.3—Results

[bookmark: _Toc71289127]3.3.1—Transducer output and simulations

The output of the FUS transducer was measured with and without the ex vivo skull fragment in the beam path the characterize the attenuation of the beam due to the skull. The mean detected pressure at 802 kHz in a water tank was 284 kPa (free-field) and 91 kPa (skull fragment present). With the skull fragment, 32.1% of the free-field pressure was transmitted to the same location beyond the skull. Simulations matched to these water tank experiments resulted in a free field simulated pressure of 284 kPa and transcranial pressure of 118.5 kPa. This simulation showed 41.73% transmission through the ex vivo skull fragment.  Simulations of the same FUS pulses used during subsequent MR-ARFI showed a maximum pressure at the target in the brain of 1.14 MPa and a maximum pressure in the skull of 3.19 MPa (figure 3.2, note the color map is scaled to emphasize the focus in the brain). [bookmark: _Toc71289075]Figure 3.2: Pressure simulations with and ex vivo NHP skull fragment. (A) The simulation grid showing a CT of the NHP skull fragment, the transducer position at the top in yellow, and the three axis view through the focus location where thermal simulations where performed.  (B-D) Peak pressure maps around the focus in three views. The highest pressure in the simulations was inside the skull but the pressure maps are scaled to better show the focus.
[bookmark: _Toc71289076]Figure 3.3: Temperature rise in vivo during 300s of a MR ARFI FUS pulse. A FUS pulse was applied at 1Hz and the temperature in the brain and in the muscle above the skull where measured with MR thermometry. Similar small temperature rises were seen in both the muscle and the brain.
[bookmark: _Toc71289077]Figure 3.4: Thermal simulation of 100 MR-ARFI sonications. (A) The simulations grid showing a pressure simulations overlaid onto the NHP skull fragment CT. The red ROI shows the approximate area of maximum heating at the focus and the blue area shows the maximum heating area within the skull. (B) The simulated temperature rise at the focus was less then 0.1C . (C) The temperature rise within the skull was approximately 2C. The heating from the skull can also spread to the outer regions of the brain.

Thermal simulations showed that the skull, which absorbs more sound than brain tissue and experienced the highest pressure, had the largest thermal rise with only modest temperature increases in the brain (figure 3.3). A 100-sonication simulation of an ARFI pulse resulted in a maximum heating in the skull of 2.22 °C and a maximum heating at the target of 0.05 °C. The heating in the skull approached a steady state; however, at the focus, the heating did not appear to be in a steady state. [bookmark: _Toc71289078]Figure 3.5: Top: An example of a single rotation of the phantom experiment showing the displacement maps generated with the MEGs aligned in the three magnet coordinates and with the optically tracked beam direction. Bottom: The maximum displacement was detected when the MEGs were aligned with the beam propagation direction.


[bookmark: _Toc71289128]3.3.2—In vivo imaging

In vivo MR thermometry showed similar, minor heating in the muscle above the skull and the focal area in the brain of approximately 0.3 °C (figure 3.3). These measurements do not represent the true skull heating since there is not enough MR signal from the skull and each ROI contains tissue that is near the skull from which heat can spread into the tissue. 
In phantom scans MR-ARFI scans with different MEG angles the maximum signal was detected when the MEG align with the transducer beam propagation direction. Figure 3.5 shows average displacement over a 3x3 voxel region of interest at the focus location for 5 different transducer angulations with different MEG orientations. When measuring along the magnet coordinate system, the signal is maximized when the transducer is aligned with one of the magnet coordinate system directions. However, when the MEG are correctly aligned with the beam directions the full displacement is measured in all cases allowing less pressure to be used when forming MR-ARFI images. This was confirmed in vivo by acquiring displacement maps with the MEG at different orientations (figure 3.5). When the MEGs are rotated 90° from the beam direction no focus can be detected. As the MEGs are brought into alignment with the beam direction a larger signal is detected. 
Figure 3.6 shows a pressure vs displacement curve for MR-ARFI maps. Since one of the major sources of risk is cavitation, and this risk scales with PNP, finding a minimal pressure to reliably localize the focus is important. Using a free field PNP of 1.68 MPa, corresponding to an estimated in vivo PNP after skull transmission of 0.54 MPa, the focus could still be identified. This pressure corresponds to a MI of 1.88 which is within the highest limits allowed by the FDA for ultrasound imaging [12], [46]. [bookmark: _Toc71289079]Figure 3.6: A: Displacement maps for increasing free field pressure sonications. Higher pressure sonications result in an easier to detect focus. B: The measured displacement increases with increasing PNP. Displacements were detectable with free field pressures that correspond to an MI below the highest acceptable FDA limits for diagnostic ultrasound.


[bookmark: _Toc71289129]3.4—Discussion

Simulations and in vivo measurement were used to identified FUS parameters that can be used to transcranially induce displacements in brain tissue that can be measured by MR-ARFI. Using these parameters, displacement maps were measured in living macaque brains to localize the focus of the transducer safely and accurately. Much prior work has established MR-ARFI in phantoms [25]; this study demonstrates transcranial MR-ARFI in a survival imaging session in the brain of a large animal with intact skull with surrounding tissues of skin, soft tissue, and muscle without measurable negative bioeffects. This work shows the importance of parameter selection during the design of transcranial MR-ARFI protocols.
A low duty was used to avoid heating that could lead to adverse bioeffects in the brain, the skull, and the scalp. Heating was minimized by using the lowest FUS intensity needed to generate detectable displacement and separating the FUS pulses in time by lengthening MR repetition time to 1 second (overall duty cycle of 0.23%). The TR only needs to be short enough to acquire a large enough field of view to localize the focus. While tissue damage is known to occur with large temperature changes it is possible that even small temperature changes in the brain can temporally change neurological function, which could confound the results of a neuromodulation studies [120]. In both simulation and in vivo measurements we showed only small changes in temperature at the focus with our FUS pulses. In vivo MR thermometry is not able to directly measure temperature changes within the skull where simulations showed the largest temperature increase. By careful consideration of duty cycle and FUS intensity it is possible to localize the FUS beam with MR-ARFI with minimal heating. 
In addition to the TR of the MR-ARFI sequence, other MR methods can be applied to reduce the needed risk of damage when localizing the focus. Improvements to the SNR of the sequence will allow for detection of smaller displacements that are generated with lower energy. Bipolar gradients have been shown to improve the phase images which are used to generate the displacement maps resulting in a more sensitive sequence [106]. Single shot EPI read out has been used which can minimize the number of sonications needed to generate an image [107]. 
The Food and Drug Administration (FDA) mandates safety limits on the acoustic output levels of clinical ultrasound transducers to minimize the risk to thermal bioeffects [12]. The ISPTA, which gauges the likelihood of heating, should not exceed 720 mW/cm2. Although this metrics was designed around imaging transducers and pulses, it provides a basic guideline for MR-ARFI pulses as well. The pulses used in this work is lower than this limit for diagnostic imaging while still localizing the beam. This safety parameter combined with our simulations and the minimal heating measured with MR thermometry shows that heating from ARFI pulses can be reduced to a negligible amount while generating high quality images of the beam location.
A second potential source of damage from FUS is cavitation. While the FUS pulses used for MR-ARFI showed minimal heating there was high PNP present in and above the skull in simulations. Cavitation is the process of bubble forming from small nuclei during the rarefaction phase of the wave. These bubble can then collapse during the compression phase of the wave and generated forces which can damage tissue [124]. Cavitation is a stochastic process that is difficult to predict, since it depends on many conditions such as  the presence of cavitation nuclei, frequency, and pressure [44]. The probability of cavitation occurring is proportional to the PNP and inversely proportional to the frequency of the FUS [43]. The MI is used to estimate the likelihood of cavitation and for imaging pulses is limited to a maximum of 1.9 [12], [46]. Most safety studies have been performed using imaging pulses which are at higher frequency and shorter duration then the pulses used for MR-ARFI. The MI within the brain for the pulses used in this work were within the safety limit but the free field MI and simulations showed an MI above the safety limit. The pressure needed to acquire a similar displacement magnitude in both phantoms and in vivo was reduced by aligning the MEGs with the beam propagation direction. 
The simulations of the FUS pulse through the skull showed pressure up to 3.2 MPa which corresponds to an MI of approximately 3.5 within the skull, suggesting that cavitation within or near the skull is a concern. Due to the voxel size of the CT used to generate the acoustic parameter maps, effects of the microstructure of the skull are not accounted for in these simulations. A prior study of FUS interactions with the microstructure of the skull show that small heterogeneities can cause multiple scattering within the skull that may reduce the PNP and reflect less uniformly than the simulations results [125]. Additionally, simulations have been shown to underestimate transmitted pressure through the skull if the simulation grid spacing is not at least 20 times the FUS wavelength due to a staircasing effect of the skull voxels [95]. While this effect is a concern, the hydrophone measurements compare well with the simulations. No evidence of cavitation was observed on the scalp of the NHP after sonications but further behavioral or post-mortem pathological analysis would improve our understanding of safety. 
Other groups have also studied the safety of MR-ARFI. Ozenne et al. used a combined MR-ARFI MR thermometry pulse sequence to image the displacement induced by the focus while monitoring temperature and also simulated the pressure and temperature during these sonications [92]. This study was done at 850 kHz and reported higher free field and their simulations estimated 3.04 MPa in the brain (compared to 1.14 MPa). Ozenne et al. reported a maximum temperature rise of 0.7 °C in MR thermometry and the simulations showed the skull having the largest temperature rise [92]. Gaur et al. performed a MR-ARFI pulses at 550 kHz in a range of in vivo pressures up to 3.6 MPa in sheep and performed histology [126]. The histological analysis of the sheep brain showed no signs of damage from the MR-ARFI sonications when compared to controls. 
Alignment of the MEGs with beam propagation direction increased the measured displacement. By maximizing the detected signal less energy is needed when localizing the focus which reduces the risk of damage and limits possible off target effects of the localization sonication. The ability to rapidly and safely localize the FUS beam is important for applications of transcranial FUS such as neuromodulation and blood brain barrier opening. Further study of the safety of ARFI pulses is needed but the framework presented here of simulation and MR measurement for temperature risk and minimizing the amount of energy needed provides a basis for future study. 


[bookmark: _Toc71289130]Chapter 4— Increasing Radiation Force-Induced Displacement at Matched Pressure by Reducing Effective Aperture[footnoteRef:2] [2:  Portions of this chapter are adapted from reference [165].] 



[bookmark: _Toc71289131]4.1—Introduction

The previous chapter discussed a method to minimize the FUS energy needed to localize the beam with MR-ARFI by aligning the MEGs with the beam propagation direction. MR-ARFI provides a method to visualize the displacements induced by the FUS beam in the brain of a macaque [91].  Because damage and other unwanted effects can result from a localization scan, it is advantageous to limit the pressure necessary to detect the beam with MR-ARFI to reduce the likelihood of these unwanted effects. The mechanical index (MI) is used as a measure for the risk of cavitation induced damage and can be reduced by using lower PNPs. Other methods have been developed to improve the sensitivity of MR-ARFI [106] or reduce the number of sonications needed to localize the beam [107], [108]. In addition to improving the sensitivity of MR-ARFI, the transducer geometry can be changed to improve the displacement and make localization of the beam possible at lower pressures. Altered transducer geometry can be used in conjunction with methods to improve the MR sequence sensitivity to localize the beam with less energy delivered to the tissue. 
Spherically focused multielement transducers are often used for transcranial FUS applications. Multielement arrays provide the ability to electronically steer the beam and correct aberrations induced by the skull by individually controlling the phase and amplitude for each element. Aberration correction can reduce the focal size of the beam and increase the focal gain [33]. The transducer used in this chapter was designed for neuromodulation of the macaque somatosensory cortex and is able to steer 20 mm in the axial direction and 10 mm in the transverse direction allowing targeting of a number of brain regions from a single position [1]. The ability to electronically steer the focus with a multielement array makes safely localizing the beam even more important. Since the beam may be steered to multiple locations the energy used to localize the beam will be applied each time it is steered to assess the true location of the beam. Since each element of the transducer can be controlled individually, aspects of the transducer geometry can be altered by selectively turning elements off to create virtual transducers. 
Transducer geometry affects the experiment design and pressure field characteristics. Spherical cap transducers (whether single element or multielement) can be characterized by the diameter of the aperture and the radius of curvature. The ratio of radius of curvature to the aperture diameter is the f-number of the transducer (equation 1.14). Transcranial FUS transducers can have f-numbers as low as 0.5 where the transducer is a full hemisphere that fits over the head [127]. A smaller f-number will result in a smaller focus and more focal gain but some experimental setups will not be possible since the transducer will have a larger surface area for a fixed radius of curvature which can limit what targets in the brain can be sonicated. On the other hand, transducers with larger f-numbers have been shown to have increased nonlinearities and enhanced cavitation [128], [129].
The acoustic radiation force is proportional to the attenuation of the tissue and the beam intensity [130]. Since larger f-number transducers will generate more nonlinearities a larger force will be generated for the same FUS intensity. Modeling of the acoustic radiation force has shown increased force with increased nonlinearity as a result of the higher harmonics being absorbed by the media [131]. The maximum displacement has been shown to be proportional to the lateral focal diameter and this diameter will increase with increasing f-number [132]. Displacement can be expected to scale with f-number due to both the increased nonlinearity and the wider focus. Additionally, for a transducer with the same radius of curvature and a smaller aperture, a vector which is normal to the transducer face at the edge of the transducer will be more aligned with the beam propagation direction. The net directivity of the transducer elements will be more aligned with the measurement direction of the MEG for MR-ARFI scans. 
By electronically reducing the aperture of the transducer we are able to achieve the same measured displacement for beam localization at lower focal PNP. Selectively turning off elements along the outer edge of the transducer produces a virtual transducer with the same radius of curvature but a small diameter, thus a larger f-number. These smaller virtual transducers generate more radiation force for the same PNP. In simulations, phantom experiments, and an in vivo test larger displacements were observed when using the same PNP. By increasing the displacement at matched PNP the beam can be localized lower PNPs with an electronically reduced aperture which corresponds to a lower MI and lower estimate of cavitation risk. 

[bookmark: _Toc71289132]4.2—Methods

[bookmark: _Toc71289133]4.2.1—Transducer Calibration

A 128 element randomized phased array (Image Guided Therapy, Pessac, France) with a f-number of f/0.7, a radius of curvature of 7.2 cm, a diameter of 10.3 cm, and a center frequency of 650kHz was used [1]. Elements along the outer edge of the transducer were electronically inactivated so that the array could be used with f-numbers of f/1.0 and f/0.8 in addition to the full array of f/0.7 (figure 4.1). Each of these three configurations was calibrated with a fiber optic hydrophone system (Precision Acoustics, Dorset, UK) where 25 averages of a 100 cycle pulse were collected on an oscilloscope (PicoScope, Pico Technology, St Neots, UK) for a series of driving amplitudes. The measured voltages were converted to pressure using a calibration factor provided by the manufacturer. The peak negative pressure from these measurements were fit to a line to estimate the driving amplitude needed to generate a given pressure for each f-number configuration. Nonlinearity of the transmitted waveform was assessed by performing a Fourier transform on the measurement and comparing the peak amplitude at the second harmonic to the peak amplitude at the center frequency.[bookmark: _Toc71289080]Figure 4.1: Top: Element positions on the transducer. The full array has an f-number of 0.7 and 128 elements. By electronically turning off the outside set of elements (in blue) the f-number is increased to 0.8 and by further turning off the elements in red the f-number is 1.0. Bottom: A profile of the transducer showing the decreasing aperture as element are turned off and the f-number is increased.


[bookmark: _Toc71289134]4.2.2—Simulations

Simulations of the three transducer f-number configurations were performed using the k-Wave Toolbox in MATLAB [93], [94]. Parameters for the 3D simulations were isotropic voxel size of 0.3mm, speed of sound of 1500 m/s, density of 1000 kg/m3, nonlinear coefficient B/A of 7, alpha of 0.5 dB/cm/MHz, and alpha coefficient of 1.1. The transducer was modeled using the individual element locations and each f-number configuration was simulated. The transmitted signal for these simulations were planned such that the spatial peak negative pressure (PNP) for each f-number was the same by iterating the simulation until the PNP matched. A 50 cycle wave was used as the transmitted signal and the pressure for each time step (dt of 60 ns) was recorded. The PNP, PPP, and FWHM of the maximum pressure maps are reported. Similarly to the physical hydrophone measurements, a Fourier transform of each the pressure time series for each voxel was taken to compare the amplitude at the second harmonic to the center frequency. 
Displacement simulations were adapted from Payne et al [26] and performed in MATLAB. The mean temporal intensity of the FUS was calculated for each voxel from the pressure simulations with the following equation  where p(t) is the pressure in each voxel for 23 cycles of the pressure wave,  is the density, and c is the speed of sound for the portion of the simulations after the FUS had arrived in every voxel. The acoustic radiation force can then be calculated as . The 3D accumulated displacement (w) induced in the beam direction (z) by the radiation force can be computed by  where  and is a 3D Green’s function and F is the 3D force pattern,  is estimated to be one third of the Young’s modulus assuming Poisson’s ratio is 0.5. Convolving this Green’s function with the force is done in frequency space. These equations assume elastostatic conditions are present which is not the case during MR-ARFI so the Green’s function was weighted based on the velocity of the shear wave, , using a linearly decreasing function which is 1 at the center of the Green’s function to 0 at a radius which equals the FUS duration times the shear wave speed. The intensity, peak displacement, and FWHM of the displacement region are reported. 

[bookmark: _Toc71289135]4.2.3—MR-ARFI

A clinical 7T magnet (Philips Achieva 7T, Philips Healthcare, Best, NL) was used for all MR experiments. Phantom experiments were performed with a graphite agar phantom (1% agar w/v, 4% silica carbide w/v). The transducer was coupled to the top of the phantom with a water filled bubble and ultrasound gel. A MR thermometry of scan was acquired with a continuous wave sonication for 20 seconds to localize the beam for ARFI planning. For each f-number configuration the transducer was driven at amplitudes so that the pressure at the focus would be matched as determined by the hydrophone calibration. Displacement maps were acquired in the lateral beam direction at the same location in the phantom which was centered on the hot spot found in the MR thermometry scan. A 2D spin-echo MR-ARFI sequence was used with 3ms unipolar trapezoidal motion-encoding gradients (MEG) placed before and after the refocusing pulse. The MEGs were aligned with the beam propagation direction and set to the maximum gradient strength of 40 mT/m. Images were collected perpendicular to the beam propagation direction with a 4 mm thick slice with 2 mm x 2 mm in plane voxel size with a TE/TR of 16 ms/500 ms.  FUS sonications were 4.5 ms in duration and were able to generate enough displacement for beam localization with the full array. 
NHP experiments were performed with approval of the Vanderbilt IUCAC. The transducer was placed above the shaved head of the NHP and coupled with a water filled bubble and ultrasound gel. The transducer was aimed at the center of the brain but not targeted to a specific region. The focus location was estimated by measuring 72 mm from the center of the transducer face and the MR-ARFI slice was planned at this location such that the long axis of the beam would be visible. MEG gradients were aligned with the FUS propagation direction. The same sequence that was used in phantoms was used with an extended TR of 1000 ms to reduce the risk of heat deposition. Sonications were performed with the full array (f/0.7) and the smallest aperture configuration (f/1.0). The full array used a 5 MPa pulse and the reduced array used a 4 MPa pulse based on a hydrophone calibration curve. Based on previous work through ex vivo skulls and simulations [91] we estimate 39% transmission at 650kHz which corresponds to focal pressure in the brain of 1.95 MPa and 1.56 MPa for the two configurations. 

[bookmark: _Toc71289136]4.3—Results[bookmark: _Toc71289081]Figure 4.2: As expected at high pressure there is more harmonic content in the wave within each f-number configuration. For larger f-numbers we observed a higher ratio of harmonic content compared to the center frequency at similar pressures with the red boxes showing transducer driving amplitudes with approximately 4 MPa of pressure at the focus.


[bookmark: _Toc71289137]4.3.1—Transducer Calibration

Calibrations of the three different f-number configurations showed that each configuration was capable of generating pressure high enough PNP that MR-ARFI was likely to be successful based on previous studies. As expected, when the outer rings of elements were inactivated, a higher driving amplitude was needed for matched pressure. As the transducer amplitude was increased the ratio of the FFT amplitude around the center frequency and the FFT amplitude around the second harmonic increased for each f-number. When comparing similar pressures across the f-number configurations an increase in this ratio is observed with increased f-number (figure 4.2). 

[bookmark: _Toc71289138]4.3.2—Simulations

Results from the simulations are shown in table 4.1. Pressure simulations with matched PNP showed an increasing full width half max (FWHM) of the focus with increasing f-number leading to a larger volume were the pressure is being applied. A small shift of in the location of the focus towards the transducer of 1.8 mm was observed between the lowest and highest f-number. The peak positive pressure of the simulations increased with increasing f-number, this results in a higher intensity for the wave as well. When looking at the spectral content of the simulations an increase in the ratio of the amplitude of the second harmonic to the center frequency was observed. The displacement simulation resulted in an increased displacement with increased f-number from 3.2 μm at f/0.7 to 4.2 μm at f/0.8, and 5.9 μm at f/1.0. The displacement FWHM increased in similar proportion to the pressure FWHM. [bookmark: _Toc71289082]Figure 4.3: Phantom MR-ARFI displacement map showing the short axis view of the beam for f/1.0. The displacement was measured along both direction of the beam (red and black lines) and plots are shown to the right. Using pressure matched sonications, an increase in displacement is measured while using larger f-number apertures.

Table 4.1: Displacement simulation results. Increased f-number resulted in larger displacement values and a larger displaced volume.
	
	f/0.7
	f/0.8
	f/1.0

	PNP (MPa)
	3.56
	3.56
	3.56

	PPP (MPa)
	4.11
	4.27
	4.57

	Pressure FWHM
	(8.9, 2.2, 2.2)
	(11.6, 2.5, 2.4)
	(17.9, 2.9, 2.8)

	Intensity (W/cm2)
	476.7
	491.6
	525.5

	Max FFT Amplitude around 
650 kHz (MPa)
	2.66
	2.70
	2.80

	Max FFT Amplitude around 
1300 kHz (MPa)
	0.33
	0.36
	0.61

	f2/f0
	0.125
	0.132
	0.22

	Displacement (μm)
	3.2
	4.1
	5.9



[bookmark: _Toc71289139]4.3.3—MR-ARFI

Phantom MR-ARFI experiments showed an increase in measured displacement at matched pressure with increasing f-number. Displacement maps were acquired in the lateral view of the beam showing a circle of displacement in the image. The peak displacement increased with increasing f-number from 2.1 μm at f/0.7 to 3.8 μm at f/1.0 (figure 4.3). This increase is comparable to the increase in simulations. In vivo imaging showed similar displacement with a 20% reduction in free field pressure used when comparing f/0.7 and f/1.0 (figure 4.4). This method used less pressure to generate the same displacement at the focus. 

[bookmark: _Toc71289140]4.4—Discussion

Localization of the FUS beam is important for therapeutic applications such as neuromodulation and drug delivery. MR-ARFI can image direct effects from the FUS beam for localization but also deposits ultrasound energy which can cause unwanted bioeffects. Methods to reduce the energy needed to localize the focus allow for safer localization and can be achieved by altering the MR sequence used for imaging or by changing the characteristics of the sonications. By electronically increasing the f-number of an array transducer, we are able to generate displacement with a peak in approximately the same region as low f-number sonications allowing for beam localization with less ultrasound energy.
[bookmark: _GoBack]Ultrasound can cause damage through mechanical and thermal effects. Mechanical damage can occur from cavitation. As described in section 1.3, the risk of cavitation is often assessed by the MI of the sonication. The risk of cavitation damage in diagnostic ultrasound is reduced by keeping the MI low as possible while acquiring images [42]. By using reduced aperture configurations the same displacement can be achieved with lower PNP and a lower MI. Recent work has been done on the thermal risk of MR-ARFI pulses. Simulations and MR thermometry imaging during sonications have shown that there is not significant heating that could cause damage during MR-ARFI sonications [91], [92]. Other work has performed histology to assess damage from MR-ARFI and neuromodulation sonications in two different species, sheep and NHPs [126]. This study did not find any evidence of damage to the brain that was attributed to the sonications. While these studies looked at potential damage another concern is changes to brain activity which could influence research results in any studies using brain activity as an outcome so it is important to minimize the energy needed to localize the beam.[bookmark: _Toc71289083]Figure 4.4: In vivo MR ARFI data. The magnitude image showing the positioning of the transducer over the NHP head and the region where the focus was located (left). A displacement of 1.4 μm was measured with the full array (f/0.7) using 5 MPa of free field pressure (center). With a reduced array (f/1.0), 20% less free field pressure was able to generate 1.5 μm of displacement (right).

The increase in measured displacement with reduced aperture may be due to multiple effects. By shifting power from the outer ring of elements to the more central elements the net directivity of the elements is more aligned with the MEG direction. Because displacement occurs in the direction of sound propagation, this may result in greater displacement along the beam propagation direction. The increase in harmonic content seen in both the hydrophone experiments and simulation results may also contribute to the increase in displacement. Since the radiation force is proportional to the attenuation in the tissue [24], and attenuation is proportional to frequency [15], higher frequency content will result in a larger force being applied to the tissue. Modeling performed by Rudenko et al found an increase in the normalized radiation force with increased nonlinearity. The authors note that since the nonlinearities will be highest at the focus this increased force will be greatest at that area [131]. The pressure simulations show the expected increase in focus size when increasing the f-number and harmonics [129]. This larger pressure field will generate force over a larger volume of the tissue which may lead the greater displacement. Modeling has predicted that the maximum displacement induced by the radiation force will scale with the beam diameter [132]. 
A potential drawback of reducing aperture size to increase displacement is that the skull is known to strongly attenuate the FUS beam [125] and this attenuation factor will be larger for the harmonic content. The loss of energy through the skull may reduce the effectiveness of this method as the higher frequency energy will be partially filtered out by the skull. The reduction of harmonic content could explain why the phantom results show a much greater increase in displacement compared to the in vivo results. For a deep brain target nonlinearity can still build up inside of the skull. Previous studies on thermal brain therapy found increased heating and treatment volume when nonlinear effects were modeled [22]. 
It is also important to note that the increased focal size with the reduced aperture of the transducer may make localization of the full array beam shape more difficult. If the brain region being targeted is small relative the reduced aperture beam size it may be difficult to determine if the focus of the full array is correctly located at that target even if the displacement map appears to overlap with target location. This beam size effect is likely to worsen if steering is used with the reduced aperture since steering the array also leads to a larger beam as well [1]. The measured displacement volume will be larger for these virtual transducers compared to the full array but the center of the displacement is not expected to have large shifts in location. Further work is needed to understand how an ARFI displacement map corresponds to the bioeffects of FUS for neuromodulation, blood brain barrier opening, and other applications. 
Using electronically reduced arrays to reduce the amount of FUS energy used to localize the beam can be combined with many of the other methods currently being employed to increase the sensitivity of MR-ARFI and time needed acquire the images. In chapter 3, a method to improve the sensitivity of the MR-ARFI sequence was shown were alignment of the MEGs with the beam propagation direction improved the measured displacement allowing less energy to be used [91]. The shape and duration of the MEGs used in the sequence can have a significant impact on displacement SNR with bipolar gradients providing better SNR for long gradients [106]. This improvement in SNR allows for detection of smaller displacements which can be generated with less FUS energy. Methods have also been developed to reduce the total number of sonications needed to acquire a MR-ARFI image such as keyhole acceleration [108] and different k-space trajectories like single shot EPI [107] or a spiral readout [133]. By reducing the total number of sonication along with lower pressure per sonication the overall safety will be further improved.
Reducing the aperture of a transcranial transducer can improve the quality of MR-ARFI images at the matched pressure. Simulations and hydrophone data show increased harmonic content with increased f-number allowing for a larger radiation force. The smaller aperture configurations of the transducer are able to generate more displacement at the same peak negative pressure in both phantoms and in vivo in NHPs.

[bookmark: _Toc71289141]Chapter 5—Optically Tracked Steering and Correction for Transcranial Focused Ultrasound


[bookmark: _Toc71289142]5.1—Introduction

Transcranial FUS facilitates precise, non-invasive mechanical and thermal interaction with brain tissue. Researchers and clinicians are leveraging FUS for tissue ablation [134], drug delivery across the blood-brain barrier [135], and neuromodulation [117]. A primary technical challenge in all FUS procedures is targeting the sound to the region of interest. FUS’s inherent spatial precision is the spot size of the transducer’s focus which is often less than 2 mm. In practice, this precision is compromised by targeting error: the distance between the predicted focus and the actual focus. Eliminating targeting error is crucial to fully leverage the potential of FUS in procedures where spatial precision is required. In this manuscript, we present a technique that uses optical tracking combined with magnetic resonance image guidance to achieve sub-millimeter accuracy in acoustic targeting without the use of a surgically implanted frame.
Two techniques common for transcranial FUS targeting are stereotactic frames [136] and optical tracking [57], [114], [115]. Stereotactic frames, which are used in deep brain stimulation with electrodes [137], have been used to study brain function for over 100 years [138]. Clinical FUS sessions with the Insightec Exablate Neuro system [39] use a head-frame rigidly fixed to the skull of the patient. The transducer is mounted to this frame and a deformable membrane bag holds degassed water for acoustic coupling between the transducer and head of the patient [136]. This frame keeps the patient fixed in place on the treatment table and allows the transducer to positioned and fixed in place to sonicate the region of interest. The frame requires skull screws to rigidly attach it to the skull making the procedure more invasive. This level of invasiveness is suitable for treating debilitating conditions but is overly invasive in applications such as neuromodulation where the patient may be otherwise healthy. Thus there is a need for methods to navigate the ultrasound focus to a desired target location with millimeter-scale precision, without a stereotactic frame.
Magnetic resonance imaging (MRI) can be used to directly measure effects of FUS beam for localization. MR thermometry can detect and measure the temperature change within a tissue based on the temperature dependence of MR parameters [105]. Changes to the proton resonance frequency during temperature changes is able to map in vivo temperature changes to an image [139]. MR thermometry requires heating the tissue which may not be suitable for all uses of FUS such as neuromodulation studies. MRI can also be used to measure displacements induced by the FUS beam in tissues with MR acoustic radiation force imaging (MR-ARFI) [25], [140]. The radiation force is proportional to the ultrasound intensity [23] so displacements induced by this force can be used to map the FUS intensity locations. Recent work to assess the safety of MR-ARFI in large animals has found non evidence of damage [91], [92], [126]. 
As discussed in chapter 2.3, optical tracking is a method of image guided neuronavigation that does not require rigid fixation. It is commonly used for transcranial magnetic stimulation [141]–[143] and increasingly for transcranial ultrasound [10], [57], [65], [91], [114], [115]. Optical tracking uses an infrared stereo camera to measure the position and orientation of reflective markers that can be rigidly affixed to an tool, enabling the tool’s location to be tracked in physical space [144]. In a typical workflow, fiducial markers that are visible in a 3D imaging modality, such as CT or MRI, are placed on the patient and their physical positions relative to the camera are recorded using an optically tracked stylus. The fiducials are localized in a pre-acquired image space. The two sets of fiducial locations can be used to define a rigid transform so that tools with reflective markers can be tracked in real-time and projected into the image space [145]. By placing a tracker on the transducer, the position and orientation of the transducer with respect to the patient can be estimated. This estimate allows the transducer’s focus location to be overlaid on the images which provide visualization of anatomy. A primary metric for performance of such systems is the TRE, which is defined as the distance between the intended and actual target. When using optical tracking with ultrasound, studies have reported TREs of 2-3 mm [114], [115]. The TRE is a function of all aspects of the optical tracking system (fiducial localization error, operator error, among others) and 2-3 mm is close to the theoretical minimum for modern optical tracking systems. One of the main benefits of optical tracking is to avoid the need for skull screws, meaning the procedure is totally non-invasive. Additionally, by not using a frame to mount the transducer, it can be mechanically steered during procedures which increases the range of targets that can be sonicated in a single procedure [146]. Overall, optical tracking is non-invasive and the freely movable transducer has increased targeting range, but these qualities are offset by reduced accuracy.
Combining optical tracking with imaging feedback provides a basis for identifying and correcting tracking error. Here, we describe a methodology to target an ultrasound focus to a desired point in the brain under image guidance with optical tracking. We then use MR-ARFI or MR thermometry to confirm the actual focal location versus the location predicted by optical tracking and use electronic steering of the transducer to account for the tracking error and correctly steer to targets in the surrounding area. By using the optical tracking information along with a single MRI localization scan, we can steer the FUS beam to any target in the brain within the transducer’s electronic steering range and eliminate targeting error without the need for invasive stereotactic frames.

[bookmark: _Toc71289143]5.2—Methods

[bookmark: _Toc71289144]5.2.1—Coordinate Systems

For this study, an optical tracking camera (NDI Polaris Vicra, Northern Digital Inc., Waterloo, Ontario, CA) is used to track the location of the FUS transducer, and the software application 3D Slicer [147] is used to combine this tracking information with MR images using the OpenIGTLinkIF module [148]. The trackers used in this study consisted of both commercial and custom-built rigid bodies that used passive tracking spheres (Northern Digital Inc., Waterloo, Ontario, CA). Custom rigid bodies were designed following the camera manufactures guidelines. The ultimate goal of the tracking system is to know the transducer coordinates relative to an anatomical image. This requires the consideration of four coordinate systems: the MR image coordinates, the tracking camera coordinates, the transducer tracker coordinates, and the transducer coordinate system (figure 5.1). The MR coordinate system is defined by the scanner and is included in the image headers which are read into 3D Slicer. The tracking camera coordinates are streamed from the camera which is tracking a reference tracker. The reference tracker is fixed on the platform used for both phantom and NHP scans. Both the phantom and NHP are in fixed positions relative to the reference tracker (figure 5.2). This reference tracker allows for the camera position to move if needed and maintains a fixed coordinate system between repeated scans which may be acquired with different camera orientations. The coordinates of the transducer tracker, a tracking tool mounted onto the back of the transducer, is also streamed from the tracking camera and enables tracking the transducer relative to reference tracker. Finally, the  ultrasound coordinate system which has its origin at the geometric focus is given by a fixed offset and rotation from the transducer tracker coordinate system. [bookmark: _Toc71289084]Figure 5.1: The four coordinate systems of interest in optically tracked FUS. The transducer steering coordinate system can be related to the imaging coordinate system through a series of transformations which allow for accurate targeting of specific brain structures with FUS.  
[bookmark: _Toc71289085]Figure 5.2: A: A model of the physical set up of the optically tracked NHP experiment. The NHP is placed on a custom table for MR imaging and the head fixed in place with a frame. The FUS transducer is placed over the head on a frame built into the table. The transducer has a optical tracker placed on the back and a water bubble on allows for ultrasound coupling. Fiducials are placed on the ear bars and eye bars of the frame (red spheres). A reference tracker is fixed to the table for optical tracking. MR coils are placed on either side of the head (not pictured). The black dashed region is the approximate MR imaging region. B: The 3D Slicer view of the NHP experiment. The optically tracked focus model is shown with the green cylinder. Fiducial markers (red spheres) can be localized and registered to the physical marker locations. The individual elements of the transducer can be visualized in the MR space.

The notation from section 2.3.2 can be used where a location in a given space A is and a transform from coordinate system A to coordinate system B by . The four coordinate systems described above can be denoted as the image space from the MRI (I), the physical space recorded by the camera (P), the tracker space (T), and the transducer coordinate system ultrasound space (U) as in figure 5.1 and the following equation 2.9 can be used to find a coordinate in image space from a coordinate in ultrasound space. Each of the transforms needed for this conversion is measured or calculated in a different manner.
 is measured from the Polaris Vicra system as a 4-element quaternion and converted to an augmented transformation matrix in the OpenIGTLink module of 3D Slicer and generated for the user. For this study a reference tracker which was fixed relative to the phantom or NHP was used to allow the camera to move during the experiment. Using this additional tracker established the physical coordinate system P relative to the location and orientation of the reference tracker as measured by the camera.  is found by registering a set of fiducial markers visualized with MRI to the same markers located in physical space using a NDI tracked stylus. Doughnut shaped markers (﻿MM3002, IZI Medical Products Owings Mills, MD) are used so that the optically tracked stylus can be positioned with the tracked tip of the stylus inside the doughnut. The SlicerIGT Fiducial Registration Wizard extension [149] is used to register these two sets of fiducial locations.  must be calculated for each experiment.

[bookmark: _Toc71289145]5.2.2—Tracker to FUS Transform

The last transform needed for optical tracking,  , connects the transducer tracker and transducer ultrasound coordinate systems for electronic steering. This transform is needed to link the estimated pressure distribution and steering coordinates through the camera space and into MR space. An optically tracked hydrophone experiment was used to measure the location of maximum pressure relative to the transducer tracker at 27 steered locations in the ultrasound space. This procedure was similar to previously reported methods [115]. A tracker was placed on a hydrophone holder which could be attached to a three-axis stage. Because needle hydrophone tips are susceptible to damage a mock hydrophone was used to perform a pivot test within the NDI Track software to measure the hydrophone tip location in physical space. The transducer was placed in a water tank with the transducer tracker fixed in place and programmed to sonicate a 3x3x3 grid of points separated by 5 mm each. The three-axis stage was used to move the hydrophone to find the maximum pressure for each steered location and the location of the hydrophone tip and the transducer tracker were recorded. The set of steered locations in ultrasound space were registered with the hydrophone tip locations relative to the tracker providing the needed transformation [150]. 

[bookmark: _Toc71289146]5.2.3—Bias Correction

Image-based bias correction was used to reduce errors inherent in methods used to generate the initial calculation of  , resulting in a final bias-corrected transform of . In practice, the rigidity and tracking uncertainty contribute to an error that can be improved through image-based bias correction [114], [115]. The initial transform  was implemented in a phantom and in vivo MR-ARFI scans. Across six phantom and three in vivo scans the error between the optically tracked prediction and the center of the MR thermometry or MR-ARFI location was measured. The mean error in these measurements was assumed to be a bias in the transformation and was subtracted from the translation of the transformation. The rotation of the transform was not altered.

[bookmark: _Toc71289147]5.2.4—Target Registration Error

Using equation 2.9, we project a model of the free field focus from the ultrasound space into the MR space to estimate the focus location relative to brain anatomy. MR thermometry or MR-ARFI  visualize the focus location in the phantom or NHP to validate this estimate. The translational error between the visualized focus, , and tracker predicted focus, , can be quantified by placing a marker at the coordinate of the visualized focus, , in image space. Using eq. 1, this coordinate can be transformed into ultrasound space giving .   corresponds to the translational error between tracked and actual focus locations. Electronically steering the transducer focus to  will steer the beam to the , the optical tracking predicted focus. 

[bookmark: _Toc71289148]5.2.5—Steering to Arbitrary Targets

Once the error vector is known it can be used also steer to any point within the steering range of the transducer. A marker is placed at a desired target in MR space and transformed into the ultrasound coordinate space. The transformation gives the steering vector needed to move the focus from the initial estimate to the new target. By then adding the offset found from the error vector to this point the tracking error is corrected and the ultrasound coordinate will coincide with desired target. Restated using coordinate notation, there is a target in image space  where the FUS should be applied, the focus location of the first sonication  as determined by MR-ARFI, and the estimated focus location from optical tracking . The steering values,   for any   is: 
	
	
	Eq. 5.1



[bookmark: _Toc71289149]5.2.6—FUS Pulses and Calibration

Sonications were performed with a 128 element randomized phased array with a radius of curvature (ROC) of 72 mm and diameter of 103 mm operated at 650 kHz [1]. The transducer output was characterized with hydrophone measurements at the geometric focus and steering locations out to 7 mm distance in 1mm steps with a ceramic needle hydrophone ﻿(HNC 0400, Onda Corp., Sunnyvale CA). Calibration curves were generated from low pressure sonications and a line of best fit was used to estimate free field pressure for each lateral steering distance. A separate calibration curve at the geometric focus was taken with a fiber optic hydrophone (FOH, Precision Acoustics, Dorchester, UK) at pressures up to 4.0 MPa and showed a good linear fit for the peak negative pressure (R2=0.9987). MR thermometry in phantoms was acquired with continuous wave sonications until the focus was detected. Phantom MR-ARFI was performed with 10 ms sonications at 5.0 MPa free field pressure adjusted based on steering distance. In vivo MR ARFI was performed with up to 8.5 ms pulses at 5.5 MPa free field pressure. The pressure in the brain is expected to be significantly attenuated due to the skull. A transmission percentage of 39% was estimated based on previous tests though an ex vivo skull [91] resulting in an estimated pressure of 2.1 MPa. This corresponds to an in vivo mechanical index (MI) of 2.6. 

[bookmark: _Toc71289150]5.2.7—MR FUS Sequences

MR imaging was performed on one of two magnets: a clinical 7T system (Philips Achevia, Philips Healthcare, Best, Netherlands) and a clinical 3T system (Philips Achevia, Philips Healthcare, Best, Netherlands). On the 7T system a custom built surface coil was used which could be placed in between the transducer and phantom/NHP. For the 3T system a pair of surface coils (dStream Flex S, ﻿Philips Healthcare, Best, NL) were placed on either side of the phantom/NHP with the transducer positioned above. MR thermometry scans in phantoms were acquired with a multishot echo planar imaging gradient echo with a TE of 10 ms, a TR of 25 ms, 2 mm x 2 mm in-plane resolution with 5 slices of 3 mm slice thickness and a 1 mm slice gap. The real and imaginary data were collected and used to create the complex data where phase subtraction by complex multiplication was used to estimate phase difference from the initial dynamics [105]. MR-AFRI was performed using a 2D spin-echo EPI sequence (7T) or a 3D spin echo sequence (3T). The Motion encoding gradients (MEG) were trapezoidal, had durations between 3 ms (7T) and 8 ms (3T), had amplitudes of 40 mT/m, and were triggered 2 ms after the sonication start time. For 7T ARFI scans a 4 mm thick slice with 2 mm x 2 mm in plane voxel size with a TE/TR of 16 ms/500 ms was used. At 3T scans were 2 mm x 2 mm x 4 mm voxel size with 3 slices and a TE/TR of 34 ms/500 ms. A set of two ARFI scans were performed with the first scan using positive MEG polarity and the second scan using negative MEG polarity. FUS was applied on one dynamic of each scan and was turned off for a second dynamic so that four images consisted of FUS off + MEG, FUS on + MEG, FUS off - MEG, FUS on - MEG. The resulted images images were used to compute displacement maps as described in [91]. 

[bookmark: _Toc71289151]5.2.8—Phantom Studies

Phantoms were prepared with 1% w/v agar power and 4% w/v silica carbide mixed into water and heated to boiling. The phantom mixture was then cooled while stirring to ensure consistency and pouring into a phantom holder. Once the phantom was set it was fixed to a stereotaxic table which allows for transducer positioning and is also used for the NHP studies. Fiducial markers were placed around the outside of the tube. The MR coil was put in place and the transducer positioned above the phantom with a water coupling bag and ultrasound gel and its position optically tracked. The positions of the fiducials were measured in physical space with a stylus tool and a T1 weighted scan was used to localize the fiducials in image space. These two sets of coordinates were registered to generate the physical to image transform, . MR thermometry could then be performed at the geometric focus and steered locations. The optical tracking error was measured from the center of the predicted focus to the center of the thermometry hot spot. An arbitrary point was selected in the phantom and the steering coordinates for the transducer determined. This point was then sonicated to assess the accuracy of steering. 

[bookmark: _Toc71289152]5.2.9—NHP Studies

All work on NHPs was performed with approval of the Vanderbilt IACUC. Sedation and anesthesia was performed the same as section 3.2.4 and the NHP was placed in a stereotactic frame with ear bars, eye bars, and a mouthpiece (figure 5.2 A). Two fiducials were located on each of the ear bars and a fiducial was placed on each eye bar. The transducer with a degassed water filled coupling bag was placed on top of the shaved head with ultrasound coupling gel applied and the MR coils positioned by the head. The transducer was aimed at the center of the brain and the fiducial locations and transducer tracker location were collected in physical space. A T1 weighted image was acquired to localize the fiducials in image space and a T2* weighted image was used to target selection. MR-ARFI was performed and all MR images were loaded into 3D Slicer. The fiducials were used to register the physical space to image space as described above. A location within the thalamus and insular cortex were identified and image coordinates selected. The center of the displacement map from MR-ARFI and the optically tracked focus estimate were selected and the ultrasound steering coordinates for the thalamus and insula targets were calculated. The transducer was then steered each target and a MR-ARFI sequence was acquired. 

[bookmark: _Toc71289153]5.3—Results

[bookmark: _Toc71289154]5.3.1—Transducer Calibration

The transducer was steered from the geometric focus to a lateral steering of 7mm in 1mm increments and the pressure recorded for a series of input driving amplitudes. As expected higher driving amplitudes are needed where steering away from the geometric focus. At each point tested the system was capable of generating sufficient pressure for transcranial displacement detection via MR-ARFI and this pressure could be matched to the geometric focus.  

[bookmark: _Toc71289155]5.3.2—Transducer Coordinate Space Transformations[bookmark: _Toc71289086]Figure 5.3: A collections of 27 optically tracked pressure maxima was found for 27 steered locations of the FUS beam along all three axes and a transformation generated between these data points. A: The optically tracked hydrophone focus locations transformed into ultrasound coordinates and plotted on top of the known steered locations in the ultrasound coordinate system. Points were sonicated in a 3 x 3 x 3 grid with 5 mm step sizes. There is good agreement between the sonicated locations and the optically tracked pressure maxima. B: To test the targeting error of the optically tracked hydrophone the transformation between the pressure maxima and the steered locations was generated using 26 of the 27 locations and the 27th point was used to measure the error. This measurement was made for each point. All errors were under 0.6 mm with a mean error shown with the black dashed line of 0.25 mm.


The hydrophone based transformation was generated by registering 27 known sonication locations in ultrasound space to the measured focus location of an optically tracked hydrophone. The fiducial registration error between these two datasets was 0.26 mm (figure 5.3 A). To test the accuracy of the transform the registration was performed in a leave one out fashion with 26 points being used to generate the transformation and the final point be used to test the target registration error (TRE). The mean TRE across these 27 points was 0.25 mm with a maximum error of 0.59 mm (figure 5.3 B). [bookmark: _Toc71289087]Figure 5.4: Top: The predicted focus location (red cylinder) compared to a thresholded MR-ARFI displacement map in the brain (color map in the middle of the brain) before bias correction was applied. Bottom: After bias correction was applied the predicated focus location (green cylinder) is now in agreement with the measured focus location.

After using this transform in both phantom and in vivo scans a lateral bias of 6.6mm and an axial bias of 7.0 mm was observed (figure 5.4). The translation portion of the transformation was modified to account for this bias and in three in vivo MR-ARFI tests the TRE after bias correction was found to be 1.0 mm, 3.6 mm, and 1.6 mm for an average TRE of 2.1 mm. 
Even without this bias correction the optically tracking data can be combined with the focus location as measured by MRI to correct and steer the beam. By subtracting the error as described in the methods we are able to correct for error and target the FUS beam to the optically predicted focus location (figure 5.5). [bookmark: _Toc71289088]Figure 5.5: An example of the lateral bias in the initial tracker to ultrasound transformation. A: The optically predicted focus is shown with the green circle and MR thermometry shows a focus location that is laterally shifted from this focus. B: Even without bias correction we are able to use the thermometry derived location of the focus to steer the beam to the optically predicted location.


[bookmark: _Toc71289156]5.3.3—In Vivo Multi-Target Steering

In an NHP experiment we selected two targets of interest: the thalamus and insula on the same side of the brain. The initial positioning of the transducer positioned the focus in between these two targets. The focus location was measured in vivo with MR-ARFI and the steering coordinates needed to correct for tracking error and target the thalamus and insula determined. Both targets were successfully sonicated with the selected point for each target being located within the displacement region on MR-ARFI images (figure 5.6).

[bookmark: _Toc71289157]5.4—Discussion[bookmark: _Toc71289089]Figure 5.6: Steering to brain regions of interest. Top: The MR-ARFI focus location when steering 5mm towards the transducer. Middle: Using the optical tracking transformations and a know target in the thalamus we were able to steer the beam so that the target point was within the ARFI location of the beam with a single test sonication. Bottom: This same test sonication allowed for steering to the insula target such that the target point in MR space was within the ARFI location.


Transcranial FUS is being used for a wide range of applications in which accurate and precise targeting is critical. The ideal targeting system would be noninvasive, allow for beam correction, and measure the effects of the beam on tissue. Combining optical tracking with MR-ARFI provides a method to place the transducer near a desired target, localize the beam, and then steer the beam to correct for any tracking error and to sonicate further targets. In this work, we demonstrated a method that allows for rapid and accurate target selection during FUS procedures with a minimum amount of FUS energy deposited in the tissue. 
Deep brain targets are of interest for FUS neuromodulation since FUSis able to target these structures noninvasively with high spatial resolution [151]. The ability to target structures such as the thalamus and correct the targeting error is important for research or clinical applications. In this study, the optical tracking information about the transducers position within the image space was used to align the transducer near a target of interest in the NHP brain. A MR-ARFI localization scan then determined where the FUS beam was located in vivo and a tracking error was determined. This error was then used to correct the steering of the transducer to hit the initial target in addition to a secondary target as measured by MR-ARFI. 
Optical tracking is frequently used for image guidance in transcranial FUS applications and studies designed to assess accuracy report errors in the 2-3 mm range. Previous work has used optical tracking with single element transducer to target specific brain structures. Kim et al performed optically tracked FUS application using a physical offset to mimic the transducer focus. This offset was then measured using tested using MRI and a bias was corrected providing an error of 1.9 mm [114]. Wu et al. performed optical tracking of a blood brain barrier opening with FUS. For this study optical tracking was used to position a transducer so that the beam path and focus location matched preplanned path [57]. Chaplin et al. used an optically tracked beam map to project the free field focus into MR anatomical images. The transducer could then be moved so that the beam map overlapped with the desired target. This method was shown to have an error in phantoms of 2.4 mm [115]. In these studies a single element transducer was used which could not be steered, corrections between the estimated focus locations and a measured focus location could not be applied electronically.
Here, the ability to target multiple areas of interest within the brain based on optical tracking information and a single localization scan is shown. Two brain regions were selected, the insula and thalamus, and each the beam was steered to these targets and the MR-ARFI signal overlapped with the selected target points. Recent studies with FUS neuromodulation have targeted multiple regions of the brain to better understand networks and to act as controls so that the effects of stimulations can be better understood [78], [152]. Accurate electronic steering of an array transducer allows for multiple regions to be targeted without having to adjust the transducers position. With electronic steering, the focus of the transducer can be rapidly moved between targets in millisecond time scales which is much faster than the hemodynamic response measured by fMRI [153]. The FUS system used in this study is also capable of sonicating multiple targets at once [154]. The ability to target separated brain regions with a single experimental setup will allow for new hypothesis to be tested. 
Safety of FUS pulses in the brain is currently being studied, and there does not yet exist a well-defined standard for ultrasound pulses used in ARFI. FDA guidelines on safety requirements for ultrasound imaging devices were developed based on assessments of ultrasound devices deployed in 1976 and for short duration pulses that are many times shorter than those used for ARFI [12], [46]. While diagnostic imaging metrics and limitations were not designed for transcranial ARFI pulses, they still provide a useful means to quantify the pulse. To generate a detectable displacement of approximately 2 µm, we required a pulse with an estimated pressure at the transcranial focus of 2.1 MPa. This corresponds to an MI of 2.4 which exceeds the diagnostic imaging guideline of 1.9 and was below highest guidelines for Isppa (153.4 W/cm2) and Ispta (690 mW/cm2). Because much of the transmitted sound is scattered and absorbed in the skull, the peak negative pressure experienced by neural tissue is much lower than if the skull were not present. Thermal safety is also of concern with repeated FUS pulses. Studies have shown through simulation and MR thermometry that heating can be minimized to under 0.5°C in the brain while still localizing the beam [91], [92]. MR-ARFI is capable of sensing displacements as low as 100 nanometers in phantoms [25], [106], but the sensitivity in an in vivo imaging situation is often lower due to the inhomogeneous media, motion, and other factors. Previous studies of neuromodulation and ARFI FUS pulses have not found any histological evidence of damage at higher MI than used in this study [126] but further study is needed to ensure damage or secondary effects are not occurring. 
Optically tracking the transducer coordinates can be used to allow for aberration correction through the skull. Since the skull is known to attenuate the FUS beam and distort the shape and location of the focus methods have been developed to correct for these effects [33]. The repeated collection of MR-ARFI displacement information can be used correct for these aberrations [155]. Other methods use simulations through the skull to estimate the aberration and correct the focus [99]. By combining CT or MR bone imaging methods with the optically tracked and registered data, aberration correction can be added to the procedure allowing for a smaller focus with more gain at the desired targets. 

[bookmark: _Toc71289158]5.6—Conclusion

In this work we detail a method to target and sonicate brain regions of interest with transcranial FUS. By improving the targeting of FUS we can perform better basic research into FUS neuromodulation with better confidence of what brain regions are being sonicated. This improved targeting can also help with clinical applications of FUS since all applications require accurate targeting.  

[bookmark: _Toc71289159]Chapter 6—Applications and Future Directions


Transcranial focused ultrasound has potential to provide clinical and research tools for a number of areas. Direct effects of the FUS beam are being studied for neuromodulation. FUS and microbubbles are being used to open the BBB. Heating can be used for therapeutic purposes, either high heat to kill tissue or mild heating for immune response. All of these applications require accurate targeting. For clinical uses, poor targeting can result in unexpected damage or no treatment of the condition. For a research study, poor targeting can confound the results since the data will not represent what the experimenters thought was occurring. Safe and accurate targeting is an important aspect of transcranial focused ultrasound. 

[bookmark: _Toc71289160]6.1—Summary of Key Findings

Chapter 3 presented simulations of measurements of the heating that can occur when using MR-ARFI to localize the focus of the transducer. Pressure measurements and simulations were made while transmitting the beam through a representative NHP skull fragment to estimate the pressure loss due to the skull. These pressure simulations were used to generate thermal simulations. It was shown that MR-ARFI type sonications could induced mild heating within the skull of around 2 degrees but that minimal heating would occur at the focus. MR thermometry was performed in vivo to measure the heating when sonicated with a MR-ARFI style FUS pulse which found minimal heating in vivo. Finally these safety tests enabled the testing of in vivo MR-ARFI in NHPs for beam localization. This fully developed MR-ARFI sequence with safe FUS pulses allowed localization of direct effects of the beam within the NHP brain. While no histology was able to be performed since the NHPs are still involved in ongoing neuroscience experiments no signs of damage have been detected in scalp and no gross behavioral changes have been observed. This tool was used in these ongoing neuroscience studies and continues to be used to localize the beam for fMRI studies. 
Chapter 4 presented a method to reduce the amount of FUS energy needed to localize the beam by reducing the effective aperture of the transducer. A 128-element array was programmed so that the outer elements could be selectively turned off, reducing the effective aperture of the array. Hydrophone measurements were taken for three different configurations of this array and an increase in the harmonic content was observed with the smaller aperture configurations. Simulations of each of these configurations also found an increase in the harmonic content as well as an increase in the focal size in axial and lateral directions of the beam. These pressure simulations were used to simulate the displacement in a homogeneous medium which found that the smaller aperture size lead to a larger focal displacement and larger displaced volume. Phantom studies using the same three configurations confirmed this increased displacement with a near doubling in measured displacement at the same peak negative pressure from the largest to smallest aperture. In vivo studies found similar displacement while using 20 percent less PNP for the smallest aperture compared to the full array. This work shows a method to reduce the needed energy localize the beam with MR-ARFI allowing for safer experiments with a lower likelihood of off target effects from the localization sonications. The effect was less pronounced in vivo compared to phantom studies and homogeneous simulations which could be due to filtering of the harmonics due to the skull. This method of reducing the amount of energy used can be combined with other methods to localize the beam with as little energy as possible.  
Chapter 5 presented a method to correct optical tracking error and accurately target multiple brain regions. Optical tracking for a 128-element array transducer was developed using an optically tracked hydrophone to measure the focus location relative the tracker. The error in this optically tracked focus was corrected with a number of phantom and in vivo MR thermometry and ARFI scans. A MR-ARFI localization scan was then used with this optically predicted focus to correct any error. In addition to error correction this method could be used to steer to other brain regions which are identified on MRI so that further regions could be sonicated. This method allows for multiple targets in the brain to be accurately targeted within one session and with a single localization scan. Targeting multiple regions allows for new options for both clinical and research studies by targeting multiple parts of brain network and providing control regions. 

[bookmark: _Toc71289161]6.2—Recent and Ongoing Applications

The work presented here has been used as part of ongoing neuromodulation studies in NHPs. FUS was applied to the somatosensory areas 3a/3b to study the neuromodulation induced by the FUS [10], [65]. The goal of this study was to better understand the effects of FUS neuromodulation in large animal model. This model allowed for a straight forward study design since the somatosensory regions of NHPs are well studied [156], [157]. A tactile stimulation of the hand was used as a control for the somatosensory region and FUS was targeted to area 3a/3b. Initial studies were performed without any image based targeting using external features of the head. An optical tracking system was developed to better target the beam [115]. 
Optical tracking of the beam location provided the ability to quickly target the correct region but was not able to determine if the FUS was reaching the region. If the transducer was poorly coupled to the head then most of the FUS would reflect off any air in the coupling leading to significantly less energy at the focus than predicated. Since angle of incidence on the skull also affects transmission of sound [158] the optically tracked focus may be accurately targeted to the region but the sound could be reflected off of the skull. By adding MR-ARFI after targeting the transducer it is possible to confirm that focus is in the targeted region and that energy is being transmitted well. The optical tracking information was used to better align the MEGs needed for MR-ARFI with the beam direction to maximize the detected signal [91]. Further work is needed to understand how the ARFI displacement maps correspond to neuromodulation bioeffects on tissue. 
Since optical tracking and MR-ARFI provide a much better estimate of the beam location more confidence can be placed in the results of the experiments. To study the possibility of using FUS for neuromodulation a block based fMRI study was performed where blocks of either FUS or tactile stimulation were interleaved with rest periods. This study design allowed the fMRI signal of various brain regions to be measured in response to direct stimulation of the NHP hand or FUS stimulation of the 3a/3b region of the brain. This study found activation in the FUS targeted region and in spatially distinct regions of the brain which are functionally connected to the 3a/3b region. Only small signal changes in nearby white matter regions suggests that this response is neural and not due to some other effect. For both the tactile stimulation and FUS stimulation the hemodynamic response for each region was similar suggesting a neural response. A difference in the magnitude and latency of signal was seen between tactile and FUS which can be interpreted as the neural response having different pathways for each stimulation. For the tactile stimulation, the signal is generated in the hand and then travels to the brain and though the circuits while FUS is able to directly stimulate the 3a/3b region in the middle of the circuit [10]. 
A follow up study was conducted with lower amplitude FUS stimulation, approximately half the pressure as in the previous study [65]. A model of FUS neuromodulation looking at published data suggested that lower intensity FUS could lead to inhibition of neurons while higher pressure would lead to activation [159]. Since activation was observed in the previous study using a lower amplitude pulse allowed the mechanisms of FUS neuromodulation to be studied. This study used blocks of FUS, tactile, and FUS+tactile stimulation with the FUS targeted to area 3a/3b. When only FUS was applied, similar activations were seen compared to the higher pressure pulses. However, when FUS was applied at the same time as tactile stimulation the fMRI signal was reduced in the target area and downstream pathways compared to tactile stimulations alone. By accurately targeting and confirming the beam location with ARFI, brain circuits can be interrogated with FUS to better understand brain function and connectivity. 
Current NHP neuromodulation studies are being performed on different brain targets to study pain circuits. These targets are deeper in the brain and a more robust study design to target multiple regions within the same session is desired. Using the work demonstrated in chapter 5, a single localization scan with MR-ARFI can allow for any target within 10mm laterally and 20mm axially of the initial focus placement [1]. Recent neuromodulation studies have shown changes in activity of interconnected regions following FUS neuromodulation pulses [9], [78]. The ability to steer the focus of the transducer to multiple targets in a single study will improve the ability to test circuits rather than single regions. A steerable focus can also be used to target unconnected regions of the brain to better control for potential off target effects of the FUS stimulation, such as auditory stimulation [160], [161], which can confound the results of neuromodulation studies. 

[bookmark: _Toc71289162]6.3—Future Applications and Directions

The blood brain barrier can be opened using FUS and microbubbles. Opening the BBB provides clinical treatment options and new research opportunities. Whether delivering cancer therapeutics [162] or opening the BBB to study brain circuits [63] targeting the correct region is important and verifying sound delivery increases the confidence in the treatment. MR-ARFI can be used before the microbubble injection to ensure the focus is in the brain region of interest and to predict spatial distribution of the BBB opening by visualizing the size and shape of the beam. Since BBB disruption relies on microbubbles to open the tight junctions in the brain [163] too much energy can result in cavitation and damage to the tissue [164]. Displacement induced by the acoustic radiation force scales with the acoustic power and frequency [25], [91], [106]. The displacement can potentially be used to estimate pressure at the focus so the BBB disruption pulses can be programmed at the optimal pressure to not cause damage while opening the BBB. 
The methods presented in this dissertation can be extended to provide easier to use tools and better understanding of possible damage or off target effects. Optical tracking provides a very good method to place the focus of the transducer on a target of choice in the brain but has some strong drawbacks. The optical tracking equipment is expensive and may not be available for many people who wish to perform transcranial FUS. Optical tracking often requires multiple trips into and out of the magnet room to perform the initial scan for fiducial localization, then perform optical tracking and possible retarget if the targeting does not work due to coupling or other reasons; these trips add time and risk the experiment. A similar resteering method can be developed by using MR visible fiducials fixed relative the transducer and generated a transformation to convert points in MR space to ultrasound space. These fiducials would eliminate the need to optical tracking while still providing a method to steer to multiple regions within the brain with a single localization scan. This method of steering would require good initial placement of the transducer so the focus is within steering range of the desired targets which may be difficult to achieve though an external frame could be using known anatomy of the head to place the transducer within a steerable range of the target.  
Further safety studies are needed to advance MR-ARFI for human studies. The work presented in this dissertation shows a method to study the risk of thermal damage when performing MR-ARFI. Pressure and thermal simulations can provide insight into how much heating will occur in the brain at the focus and in skull along the beam path and MR thermometry can measure in vivo heating in the brain tissue. The risk of thermal damage to the bone marrow is concern during transcranial FUS procedures [118], [119]. Only a limited amount of histology has been shown following exposure to MR-ARFI sonications. This histology showed no signs of damage to the brain tissue on the sonicated side compared to controls [126]. However, many of the reported ARFI pulses exceed the FDA limits for MI during ultrasound imaging. It is not clear that these pulses are safe for long term use and further study of the safety is warranted. Ongoing studies which the work in this dissertation contributed to with NHPs provides a source for histology studies. MR-ARFI and neuromodulation pulses have been applied at known locations within the brain over multiple years of studies providing known sonication locations such as area 3a/3b and control regions where sonications have not occurred.
The work contained here uses MRI to localize the target region and the FUS beam but for many uses being able to sonicate outside of a MR suite would provide strong advantages. Using a frame to place the transducer in the same location on the subjects head repeatable would allow of accurate sonications outside of the magnet. This frame can then be combined with optical tracking or a MR-ARFI session to determine steering coordinates to different brain targets. For clinical uses, treatments outside of a magnet could reduce the cost of treatment. Performing experiments outside of the magnet allows for a wider range of neuroscience tools to be used such as behavior assays. Neuromodulation studies have been performed using eye tracking to measure the effect of FUS neuromodulation on eye motion [75], [77]. By increasing the accuracy of the FUS transducer and opening the ability to steer to multiple targets in a single session these experiments can become more complex to probe more difficult questions in neuroscience. 
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