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Abstract 

Focused ultrasound (FUS)-mediated blood-brain barrier (BBB) opening recently entered clinical 
testing for targeted drug delivery to the brain. Sources of variability exist in the current procedures, 
motivating the development of real-time monitoring and control techniques to improve treatment 
safety and efficacy. Here we used three-dimensional (3D) transcranial microbubble imaging to 
calibrate FUS exposure levels for volumetric BBB opening. 
Methods: Using a sparse hemispherical transmit/receive ultrasound phased array, pulsed 
ultrasound was focused transcranially into the thalamus of rabbits during microbubble infusion and 
multi-channel 3D beamforming was performed online with receiver signals captured at the 
subharmonic frequency. Pressures were increased pulse-by-pulse until subharmonic activity was 
detected on acoustic imaging (psub), and tissue volumes surrounding the calibration point were 
exposed at 50-100%psub via rapid electronic beam steering. 
Results: Spatially-coherent subharmonic microbubble activity was successfully reconstructed 
transcranially in vivo during calibration sonications. Multi-point exposures induced volumetric 
regions of elevated BBB permeability assessed via contrast-enhanced magnetic resonance imaging 
(MRI). At exposure levels ≥75%psub, MRI and histological examination occasionally revealed tissue 
damage, whereas sonications at 50%psub were performed safely. Substantial intra-grid variability of 
FUS-induced bioeffects was observed via MRI, prompting future development of multi-point 
calibration schemes for improved treatment consistency. Receiver array sparsity and sensor 
configuration had substantial impacts on subharmonic detection sensitivity, and are factors that 
should be considered when designing next-generation clinical FUS brain therapy systems. 
Conclusion: Our findings suggest that 3D subharmonic imaging can be used to calibrate exposure 
levels for safe FUS-induced volumetric BBB opening, and should be explored further as a method for 
cavitation-mediated treatment guidance. 

Key words: blood-brain barrier, focused ultrasound, microbubble contrast agents, three-dimensional acoustic 
imaging, transmit/receive phased array 

Introduction 
The ability to treat brain cancers and other 

disorders of the central nervous system is limited by 
the blood-brain barrier (BBB), a specialized structure 

that regulates molecular passage from the circulatory 
system into the brain [1]. Focused ultrasound (FUS) 
combined with intravenously circulating micro-

 
Ivyspring  

International Publisher 



 Theranostics 2018, Vol. 8, Issue 11 
 

 
http://www.thno.org 

2910 

bubbles can transiently and selectively increase BBB 
permeability [2] to enable targeted drug delivery to 
the brain, and has the potential to revolutionize the 
way neurological diseases are managed in clinical 
practice [3]. Extensive pre-clinical work has shown 
that a wide range of therapeutic agents can be 
delivered to brain parenchyma using the 
aforementioned approach [4-6], and improved 
outcomes have been demonstrated in animal models 
of brain tumors [7-9] and Alzheimer's disease [10-13]. 
Based on the favorable safety profile of transcranial 
ultrasound-mediated BBB opening observed in large 
animal experiments performed using a commercial 
FUS brain system designed for thermal ablation 
[14-15], the first clinical investigations began at our 
institution in late 2015. Two separate safety trials have 
recently been completed with this extracorporeal FUS 
device: one for enhanced chemotherapy delivery to 
malignant brain tumors (ClinicalTrials.gov ID: 
NCT02343991) and another in patients with early 
Alzheimer's disease (ClinicalTrials.gov ID: 
NCT02986932). Concurrently, researchers in France 
have demonstrated that repeated BBB opening using 
an invasive device implanted in the brain is safe and 
tolerated in patients with recurrent glioblastoma [16]. 

 Despite the many advancements made since the 
feasibility of BBB opening via FUS and preformed 
microbubbles was first demonstrated in a pre-clinical 
model [2], sources of treatment variability exist that 
need to be addressed before widespread clinical 
adoption can occur. The biological effects induced 
from the exposures are dependent on several factors, 
including the sonication scheme (i.e., frequency, 
pressure, pulse length, pulse repetition frequency 
(PRF), exposure duration [17-19]), the ultrasound 
contrast agent (i.e., microbubble type, dose, and size 
distribution [20-22]), as well as the carrier gas used for 
anaesthesia [23]. Increased microvascular permea-
bility can be achieved without evident tissue damage 
upon histological examination if appropriate 
treatment parameters are employed [14,24-26], 
whereas unsuitable parameters can result in a lack of 
desired effect or, conversely, vascular damage [27] or 
inflammation [28]. However, the application of 
transcranial sonications complicates parameter 
selection, as it is difficult to predict the in-situ pressure 
field due to considerable inter- and intra-patient 
variability in skull transmission efficiency [29-30] and 
the potential for standing wave formation within the 
skull cavity [31-32]. Furthermore, the local vascular 
density, vessel diameter, and blood flow all vary 
considerably between brain structures and can affect 
the way in which microbubbles interact with the 
ultrasound field and the resulting biological 
outcome(s) [14,33-34]. These sources of variability, 

combined with the narrow window in which 
increased BBB permeability can be safely achieved 
[14,25-26], necessitate the development of real-time 
treatment monitoring and control techniques prior to 
routine clinical implementation.  

Several studies have demonstrated that spectral 
characteristics of acoustic emissions generated during 
ultrasound-mediated BBB opening are correlated with 
the biological effects of the exposures [23,25-26,35]. 
For instance, it has been shown that increased 
vascular permeability can be achieved without 
detecting broadband acoustic emissions [25-26], 
evidence of violent inertial cavitation activity. More 
recently, researchers have attempted to exploit these 
remotely detected signals for treatment feedback 
purposes, in an attempt to achieve the desired 
biological effects while minimizing unwanted tissue 
damage [15,36-39]. One such approach involves 
calibrating exposure levels by increasing the applied 
pressure pulse-by-pulse until subharmonic (i.e., f0/2, 
where f0 is the driving frequency) or ultraharmonic 
(i.e., (2n+1)f0/2, n = 1,2,3…) signals are detected, and 
subsequently reducing the pressure to a percentage of 
the value required to induce this microbubble activity 
for the remainder of the sonication [11,37]. O’Reilly 
and Hynynen [37] showed that sonications carried out 
at the 50% target level consistently produce safe BBB 
opening, whereas lower target levels (i.e., 0% and 
25%) are less likely to result in increased BBB 
permeability and gross tissue damage is observed 
occasionally at higher target levels (i.e., 75%). A 
modified version of this internal calibration approach 
is undergoing clinical testing using a commercial 
low-frequency transcranial FUS brain therapy system 
(ExAblate Neuro, InSightec Inc., Tirat Carmel, Israel). 
All of these studies have employed single-element 
detectors for acoustic emissions monitoring, an 
approach that provides bulk information regarding 
cavitation activity within the focal volume and 
precludes spatially-resolved cavitation detection over 
a large region due to the receiver’s fixed sensitivity 
profile. 

Spatial information regarding microbubble 
behavior would improve the safety of ultrasound- 
mediated BBB opening procedures by allowing 
confirmation that cavitation and its associated 
bioeffects are localized at the target(s) of interest, 
while simultaneously monitoring for potential off- 
target activity. Indeed, ultrasound-induced bioeffects 
located outside of the intended treatment region have 
been observed in pre-clinical studies following 
exposures with microbubbles in circulation [40-41], 
including a recent study on BBB opening [39]. When 
combined with beamforming techniques, multi- 
element sensor arrays can generate spatial 
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information regarding acoustic source field 
distributions [42-44]. Multi-channel beamforming of 
remotely detected acoustic emissions has recently 
been used to monitor the spatial and temporal 
evolution of cavitation activity during the application 
of FUS in in-vitro and in-vivo settings [45-50], 
including BBB opening procedures via commercial 
one-dimensional (1D) linear receiver arrays [51-52] or 
custom-built two-dimensional (2D) surface arrays 
[53-55]. Relative to small-aperture 1D arrays, large- 
aperture 2D arrays allow source signals of interest to 
be acquired over a greater solid angle, and enable 
three-dimensional (3D) acoustic imaging with 
improvements in spatial resolution, receive 
sensitivity, and the effective imaging volume. In all 
studies published to date that have spatially mapped 
cavitation activity generated during ultrasound- 
mediated BBB opening procedures [51-55], acoustic 
reconstruction has been performed retrospectively 
offline following the application of FUS. 

Here we use 3D transcranial microbubble 
imaging to actively calibrate exposure levels for safe 
ultrasound-mediated BBB opening with a multi- 
frequency transmit/receive sparse hemispherical 
ultrasound phased array. A 3D subharmonic imaging- 
based feedback approach was developed based on a 
previously described single-element detector 
calibration method [37], and was used to perform BBB 
opening in healthy rabbits over large treatment 
volumes via rapid electronic beam steering. A pilot 
study was carried out to demonstrate feasibility and 
explore different exposure conditions, after which a 
second group of animals were treated to assess the 
safety and efficacy of the proposed treatment 
paradigm. 

Methods 
Clinical-scale prototype FUS brain system 

The phased array employed in this study is 
similar to that described in [55]. The base frame of the 
array was a hemispherical dome (inner diameter = 
31.8 cm) that was formed by assembling four separate 
quadrants of plastic 3D-printed (Accura® 
ClearVueTM, ViperTM si2 SLA®; 3D Systems, Inc., Rock 
Hill, SC, USA) shells (3 top and 1 bottom, Figure 1A). 
256 transducer modules were inserted into the 
hemispherical dome (64 per quadrant, Figure 1A) in a 
sparse arrangement that was optimized in silico to 
suppress grating/side lobe formation (Figure S1). 
Each module is composed of three concentric 
cylindrical lead zirconate titanate (PZT-4) elements 
(DeL Piezo Specialties, LLC, West Palm Beach, FL, 
USA) driven in their lateral mode [56] at frequencies 
of 306, 612, and 1224 kHz (Figure 1B). The individual 

element dimensions (Table 1) were chosen to 
maintain a similar transmit steering range and 
effective imaging volume across all three operating 
frequencies by fixing the ratio of the element size to 
the acoustic wavelength [55]. An exterior concentric 
ring was placed around the outer-most element of 
each module flush with the driving surfaces of the 
three elements, and thin plastic film (MylarTM; 
DuPont, Wilmington, DE, USA) was attached to the 
front surface to seal the modules and provide air 
loading for the cylinders. The signal and ground wires 
from each module were soldered to the pads on an 
adapter connected to a circuit board that enables 
switching and selection of the array's transmit and 
receive frequencies for a given sonication. Variable 
gain pre-amplifiers were added to the receive lines to 
help drive the signals along the cables. 

 

Table 1. Transducer element dimensions of multi- 
frequency dual-mode array. Transducer element dimensions 
and center frequencies. 

Frequency Outer Diameter (mm) Inner Diameter (mm) Height (mm) 
306 kHz 10 7 6 
612 kHz 5 3.5 3 
1224 kHz 2.5 1.75 1.5 

 
Following array construction the transducer 

element locations were confirmed using acoustic 
triangulation [53,55]. A narrowband fixed source 
(piezoceramic tube; 1 mm diameter, 5 mm length, 0.5 
MHz center frequency) was moved to different 
locations in the field using a three-axis positioning 
system (Parker-Hannifin, Corp., Woburn, MA, USA; 
Velmex, Inc., Bloomfield, NY, USA) and was excited 
with an impulse from a pulser/receiver (Panametrics, 
Olympus-NDT, Inc., Waltham, MA, USA). The raw 
channel data received by the 612 kHz transducer 
elements (200 μs capture length per channel, 40 MS/s 
sampling rate, 128 averages) were captured using two 
128-channel receivers (SonixDAQ; Ultrasonix, Inc., 
Richmond, BC, Canada). The time of flight inferred 
from each of the captured waveforms was used to 
estimate the center of the 612 kHz element locations 
via triangulation. The central locations of the 306 and 
1224 kHz elements were assumed coincident with 
those of the 612 kHz elements due to the concentric 
module design. The transmit capabilities of the array 
(Figure S2 and Figure S3) were characterized using 
methods described elsewhere [55]. 

Animal model and study design 
All experiments were performed with prior 

approval from the Animal Care Committee at 
Sunnybrook Research Institute (SRI) and were in 
accordance with guidelines established by the 
Canadian Council on Animal Care and the Animals 
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for Research Act of Ontario. Animals were housed in 
the SRI animal facility (Toronto, ON, Canada) with 
access to food and water ad libitum. To prepare 
animals for FUS procedures, anaesthesia was induced 
via intramuscular injection of a mixture of ketamine 
(50 mg/kg/h) and xylazine (5 mg/kg/h). The animals 
were then intubated and anesthesia was maintained 
using 1-3% isofluorane and medical air (2 L/min). 
Hair on the animals’ heads was removed using an 
electric razor and depilatory cream. The scalp was 
washed with mild soap and water to prevent chemical 
irritation from the cream. The ear vein was 
catheterized using a 22G angiocatheter. The animals 
were laid supine on a platform with their heads 
supported by a plastic membrane in contact with the 
degassed/deionized water-filled array. Degassed/ 
deionized water provided acoustic coupling between 
the animal head and the membrane. The animals were 
positioned such that the mid-thalamic region was at 
most 1 cm from the hemispherical array’s geometric 
focus. Custom-built ear/bite bars stabilized and 
restrained the animal’s head for the duration of the 
experiments. The animals were ventilated 
mechanically during the treatment and imaging 
procedures, and both heart rate and oxygen 
saturation levels were monitored using a magnetic 

resonance imaging (MRI) compatible digital pulse 
oximeter (8600V; Nonin Medical, Inc., Plymouth, MN, 
USA) to help ensure an appropriate depth of 
anesthesia. Body temperature was maintained using 
multiple blankets and heated saline packs. 

Thirteen New Zealand White rabbits (male, 2-4 
kg; Charles River, Saint-Constance, QC, Canada) were 
divided into two groups. The first group (N = 8) 
received either a single or multiple weekly ultrasound 
sessions during a state of ongoing system 
development. The animals in this “pilot group” were 
sacrificed between 1 hour and 1 week after their final 
treatment. Based on the results obtained from this 
group, modifications were made to the ultrasound 
system's hardware and software, after which a second 
group of rabbits (N = 5) received a single ultrasound 
session with a static system configuration. The 
animals in this “treatment group” were survived for 1 
week post-FUS, at which point they underwent 
follow-up MRI and were subsequently sacrificed for 
histological examination. 

MRI sequences and data analysis 
The experiments were performed under MRI 

guidance (see Table 2 for parameters used in this 
study). The platform with the animal was moved 

 
Figure 1. Clinical-scale prototype FUS brain system and experimental protocol. (A) Transducer module layout. The array is separated into four separate quadrants 
(blue circles, green squares, red diamonds, and yellow triangles). Scale bar indicates 5 cm. (B) Module design schematic. (C) Process flowchart for 3D acoustic imaging-based 
decision making. (D) Experimental setup. (E) Illustration of experimental protocol via MRI data acquired pre-calibration, post-calibration, and post-volumetric exposure in an 
animal from the pilot group. Target locations for a 4 × 4 point grid (1.0 mm point spacing) overlaid on an axial T2w MR image (yellow dots). The calibration point is indicated by 
an ‘×’ symbol, and the beam steering pattern is depicted (yellow line). The sonication direction is out of the page. Scale bar indicates 5 mm. p = pressure, pstart = start pressure, 
Δp = pressure step size, psub = subharmonic pressure threshold. 
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between the ultrasound system and a 3.0 T MRI 
system (Magnetom Prisma; Siemens Healthcare, 
Erlangen, Germany) for treatment planning, detecting 
BBB opening, and monitoring for potential tissue 
damage. All ultrasound exposures were performed 
outside of the MRI suite, as the phased array 
employed was not designed to be MRI-compatible. 
MR images were acquired using a T2-weighted (T2w) 
sequence for target selection and detecting edema, a 
T1-weighted (T1w) sequence before and after 
intravenous injection of a gadolinium-based MRI 
contrast agent (GadovistTM; Bayer Inc., Toronto, ON, 
Canada) to detect BBB opening, and a T2*-weighted 
(T2*w) sequence to monitor for red blood cell (RBC) 
extravasations produced by the sonications [2]. A 
comprehensive set of MR images (i.e., T1w/T2w/T2*w 
scans) was acquired at the beginning and end of each 
treatment session as well as during follow-up 
imaging, and additional contrast-enhanced T1w 
(CE-T1w) imaging was performed intermittently 
throughout the procedures. For the animals in the 
treatment group, 0.1 mL/kg of MRI contrast agent 
was injected after the first and third of four 
multi-point grid exposures (see below for treatment 
group details). All MR images were acquired using an 
11 cm diameter loop coil. Post-sonication axial MRI 
scans were examined to determine whether increased 
BBB permeability (CE-T1w hyperintense), edema (T2w 
hyperintense), or microhemmorhage (T2*w hypo-
intense) was produced at each individual focal spot. 
In quantifying increased BBB permeability, the 
CE-T1w MRI signal intensity was averaged over a 3 × 
3 × 2 voxel region centered on each focal spot, and 
values exceeding two SDs above the background (i.e., 
unsonicated, contralateral control region) were 
deemed “open” [57]. Pre- and post-treatment T2w/ 
T2*w MRI scans were compared to determine the 
presence (or lack thereof) of edema/microhemor-
rhage. No scoring metrics were necessary, as these 
signal changes on MRI were binary. For the animals in 
the treatment group, MRI quantification was carried 
out using scans acquired immediately following the 
final volumetric exposure, as well as those obtained 
during follow-up imaging 1 week post-treatment. 

Calibration procedure and treatment 
parameters 

An acoustic imaging-based calibration approach 
was developed based on the single-element detector 
method described in [37]. A calibration algorithm 
adjusted the driving output of the phased array 
transducer driven in pulsed mode after each transmit 
pulse. The algorithm logic was based on the acoustic 
emissions captured by the multi-channel receiver 
array during each transmit pulse and processed prior 

to the subsequent exposure. After each transmit pulse, 
the raw channel data received by the transducer 
elements tuned to the subharmonic of the driving 
frequency were filtered and beamformed over a 3D 
volume to determine whether microbubble emissions 
originating near the intended target location were 
present. The driving output of the phased array was 
increased from pulse-to-pulse until spatially-coherent 
subharmonic microbubble activity was detected, at 
which point the sonication was terminated 
automatically. A flowchart outlining the calibration 
algorithm logic is given in Figure 1C. 

 

Table 2. MRI parameters. T1w, T2w, and T2*w MRI sequence 
types and parameters employed in this study.  

 T1w T2w T2*w 
Sequence Type turbo spin echo turbo spin echo 3D gradient echo 
Echo Time (ms) 8.6 82 15 
Repetition Time (ms) 500 3100 27 
Echo Train Length 4 8 1 
Number of Signal Averages 3 2 2 
Field-of-View (cm) 10 × 10 10 × 10 10 × 10 × 2.4 
Matrix Size 256 × 256 256 × 256 256 × 256 × 16 
Slice Thickness (mm) 1.5 1.5 1.5 
Bandwidth (kHz) ±62.7 ±15.4 ±33.3 
Flip Angle (°) 150 150 13 

 
Prior to in-vivo testing, algorithm functionality 

was verified on the benchtop by imaging 
microbubbles flowing in tube phantoms, using a 
similar experimental setup to that described 
previously [53-55]. The response of the program was 
compared with the expected response based on offline 
visual inspection of the 3D acoustic imaging data. 
Based on the results from benchtop testing with and 
without microbubbles flowing through the tubing, the 
threshold for the algorithm to register the detection of 
subharmonic activity was a peak sidelobe ratio of less 
than or equal to -3 dB. This peak sidelobe ratio 
threshold was found to be sufficiently low as to 
prevent false-positive detection events from occurring 
due to background noise fluctuations, while not so 
high as to miss weak subharmonic microbubble 
activity. 

The in-vivo experimental setup is shown in 
Figure 1D. All ultrasound exposures were applied 
through the intact rabbit skull without aberration 
correction on transmit or receive. Insertion loss 
measurements were performed on 4 rabbit skull caps 
at f0 = 612 kHz following tissue harvest by driving a 
single transducer module with a function generator 
(AFG3102; Tektronix, Inc., Richardson, TX, USA) and 
comparing the spatial-peak temporal-peak (SPTP) 
negative voltage received by a narrowband fixed 
source, captured using a digital oscilloscope 
(TDS3014C; Tektronix, Inc., Richardson, TX, USA), 
with and without an intervening skull sample. 
Measurements were carried out at a total of 16 
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locations across the 4 specimens (4 measurements per 
specimen), and a transmission of 68 ± 11% was 
obtained (mean ± SD). All SPTP negative pressures 
reported in this study are estimated in situ based on 
this mean transmission value, an attenuation 
coefficient in brain tissue of 5 Np/m/MHz [58], a 
mean path length in brain tissue of 10 mm, and the 
geometric steering loss estimated from the transmit 
characterization data (Figure S3 and Table S1) 
assuming a radially-symmetric lateral steering profile 
(i.e., pin-situ ≈ 68% × exp{-5 Np/m/MHz × 0.01 m × 
0.612 MHz} pfree-field = 0.66% pfree-field).  

Prior to each therapeutic exposure, a calibration 
sonication was carried out to determine the peak 
negative pressure threshold for inducing 
subharmonic activity in vivo near the desired target 
location. Calibration sonications consisted of focusing 
to a single point within the brain and applying 10 ms 
pulses of 612 kHz ultrasound at a 1 Hz PRF. 
DefinityTM microbubbles (20 μL/kg) were diluted in 
normal saline and infused through an extension line 
(length = 30 cm, inner diameter = 1.2 mm) connected 
to the ear vein catheter using an automated syringe 
pump (NanoJetXF Stereotaxic Syringe Pump; 
Chemyx, Inc., Stafford, TX, USA). The microbubble 
solution was infused over 60 s by pushing saline 
through the line beginning simultaneously with the 
start of each calibration sonication. On receive, 3.2 ms 
of channel data at the tail end of each pulse (trigger 
delay = 7.2 ms, sampling rate = 10 MS/s) was 
acquired using two 128-channel receivers (SonixDAQ; 
Ultrasonix, Inc., Richmond, BC, Canada) and the 
array elements tuned to the subharmonic of the 
driving frequency (f0/2 = 306 kHz). Before the start of 
the next therapy pulse, the acquired channel data 
were transferred from the acquisition system into 
memory, zero-phase digital bandpass filtered to 
suppress strong reflection signals at the fundamental 
and emphasize the subharmonic spectral content 
(eighth order Butterworth, 200-400 kHz passband), 
and beamformed over a 3D volume centered about 
the target location (field-of-view (FOV) = 10 mm × 10 
mm × 10 mm, voxel size = 1.0 mm × 1.0 mm × 1.0 mm) 
on a GPGPU (ZOTAC GeForce GTX 980 Ti, 6 GB 
memory, 2816 cores) using a delay, sum, and integrate 
beamforming algorithm [54-55]. The sound speed 
used in the beamforming algorithm was estimated 
based on measurement of the water temperature [59], 
and ranged from 1480-1500 m/s. Temporal-average 
source field intensity volumes were generated using 
all of the channel data acquired during each pulse 
(e.g., 3 ms integration time during calibration). 
Starting from an estimated SPTP negative pressure of 
10-15 kPa, the pressure level was linearly increased 
after each pulse (step size ≈ 10-15 kPa) until the 

appearance of a single distinct source was observed in 
the acoustic imaging data (peak sidelobe ratio ≤ -3 
dB), at which point the calibration sonication was 
terminated automatically. The received channel data 
from the calibration sonication were captured and 
stored for offline analysis. This process was also 
carried out prior to the first microbubble injection in 
each animal to gather baseline signals. 

Following calibration, tissue volumes 
surrounding the calibration point were exposed at a 
fixed percentage of the peak negative pressure 
required to induce subharmonic activity via rapid 
electronic steering. The ultrasound focus was steered 
over a rectilinear grid of points centered near the 
calibration point in a plane perpendicular to the 
array's acoustic axis (Figure 1E). Each point within the 
grid was exposed with 10 ms pulses of 612 kHz 
ultrasound at a 1 Hz PRF for a total of 2 min [35] 
starting simultaneously with microbubble infusion 
(20 μL/kg, 60 s duration). The beam steering was 
performed in a clockwise spiral pattern (viewed 
looking into the dome) starting with the calibration 
point (Figure 1E). Throughout the volumetric 
sonications, acoustic emissions data were captured 
using the array elements tuned to the subharmonic 
frequency and stored for post-processing. In the pilot 
group, channel data were captured solely at the 
calibration point, using the same settings employed 
during calibration (see above). In the treatment group, 
channel data were acquired at each point within the 
grid, though the allowable capture length was 
restricted by the maximum available buffer size and 
transfer rate of the data acquisition system [60]. For 
each volumetric sonication in the treatment group (36 
points per grid, 120 pulses per point), 750 µs of 
channel data were captured at the tail end of each 
pulse (trigger delay = 9.5 ms, sampling rate = 10 
MS/s) at each point within the grid. A delay of at least 
5 min between successive grid sonications allowed the 
bubbles to mostly clear from the circulation (mean 
half-life of DefinityTM = 1.3 min, product insert). 

In the pilot group, a total of 29 volumetric 
sonications were carried out over 10 different 
treatment sessions (3 ± 2 sonications per session, mean 
± SD) in eight animals. In this group, variable grid 
sizes (16-36 points), point spacings (0.5-2.0 mm), and 
target levels (50-100%) were investigated. All five 
animals in the treatment group received a single 
ultrasound session consisting of four non-overlapping 
grids (6 × 6 point grids, 1.0 mm spacing) unilaterally 
targeted to the mid-thalamic region that were all 
carried out at the 50% target level. Combining the two 
groups, a total of 49 calibration sonications were 
available for analysis. 
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Retrospective analysis of acoustic emissions 
data 

Retrospective analysis of the acoustic emissions 
data acquired in vivo was performed offline 
post-treatment. Large FOV reconstructions spanning 
the entire skull cavity were carried out (FOV = 40 mm 
× 40 mm × 40 mm; voxel size = 0.5 mm × 0.5 mm × 0.5 
mm) to verify that no cavitation activity was missed 
using the imaging parameters employed online 
during calibration (FOV = 10 mm × 10 mm × 10 mm; 
voxel size = 1.0 mm × 1.0 mm × 1.0 mm). The impact 
of imaging array design (i.e., receiver element number 
and spatial configuration) on the system’s ability to 
identify spatially-coherent subharmonic activity was 
also investigated retrospectively. For this analysis, 
acoustic emissions data from the treatment group (20 
calibration sonications over 5 animals) were 
reconstructed (FOV = 10 mm ×10 mm × 10 mm; voxel 
size = 0.5 mm × 0.5 mm × 0.5 mm) using arrays of 
different levels of sparsity ranging from 16 to 256 
elements. The receiver elements were divided equally 
amongst the four quadrants of the array, and for each 
level of sparsity 500 distinct configurations were 
tested. The detection sensitivity (i.e., true positive rate) 
and specificity (i.e., true negative rate) of each receiver 
configuration were evaluated taking the results 
obtained from beamforming using the entire receiver 
array (i.e., 256 elements) as ground truth. 

Histological analysis 
Animals were perfused transcardially with 

saline followed by 10% neutral buffered formalin. 
Brains were removed, postfixed overnight at room 
temperature, and paraffin embedded. Axial sections 
(5 μm thick) were collected at 250 μm intervals and 
hematoxylin-eosin (H&E) stained. Sections at the 
plane of increased BBB permeability were assessed at 
200x magnification for evidence of microhemorrhage, 
defined for the purpose of this study as regions of 
extravasated RBCs with a long axis greater than 20 μm 
in length. Anatomical landmarks visible on both the 
MRI and histological data (e.g., ventricular width, 
hippocampal shape) were used to select H&E sections 
corresponding to regions of CE-T1w MRI signal 
enhancement for assessment. 

Results 
3D transcranial subharmonic microbubble 
imaging in vivo 

No subharmonic activity was detected during 
any of the baseline sonications carried out without 
microbubbles in circulation. Under this condition, the 
applied peak negative pressure continued to rise for 
60 s until the maximum output of the system was 
reached (~1.0 MPa), at which point the sonication was 

terminated manually. Subsequently, spatially- 
coherent subharmonic activity was successfully 
detected through the intact rabbit skull in vivo via 3D 
acoustic imaging during all calibration sonications 
carried out with microbubbles in circulation (N = 49). 
Figure 2 shows an example of the 3D subharmonic 
microbubble imaging calibration approach prior to a 
therapeutic exposure at the 50% target level. In this 
dataset, the SPTP negative pressure level (Figure 2A) 
is seen to increase until 35 s into the sonication (0.54 
MPa), at which point spatially-coherent subharmonic 
microbubble activity is detected (Figure 2B). 
Examining the acoustic imaging data corresponding 
to this pulse, a substantial increase is seen in the 
spatial-peak temporal-average (SPTA) source field 
intensity (Figure 2C) relative to both the previous 
pulse (0.52 MPa, ~24 dB increase) and to baseline (i.e., 
sonication at 0.54 MPa without microbubbles, ~18 dB 
increase), and pronounced subharmonic spectral 
content is present in the beamformed signal at the 
location of SPTA source field intensity that is not 
present in corresponding data for the pulse 34 s into 
the sonication (Figure 2D). 

A summary of the acoustic imaging data from all 
in-vivo calibration sonications is provided in Table 3. 
The estimated SPTP negative pressure threshold for 
detecting subharmonic activity was 0.68 ± 0.15 MPa in 
situ (mean ± SD). Retrospective, large FOV acoustic 
reconstructions spanning the entire skull cavity (e.g., 
see Figure 3) revealed that whenever subharmonic 
activity was detected the location of SPTA source field 
intensity was no more than 3.0 mm from the intended 
target location (0.7 ± 0.5 mm, mean ± SD), and 
confirmed that no earlier cavitation activity was 
missed using the imaging settings employed 
intraoperatively during calibration (N = 49, data not 
shown). During pulses for which subharmonic 
microbubble activity was detected, the size of the -3 
dB SPTA source field intensity volume’s long axis (i.e., 
along the array’s acoustic axis: 5.4 ± 0.5 mm, mean ± 
SD) was approximately a factor of two larger than its 
short axis (i.e., across the array’s acoustic axis: 3.0 ± 0.5 
mm, mean ± SD), which is expected due to the 
hemispherical receiver array geometry and is 
consistent with previous findings [53-55,61]. 

No subharmonic microbubble activity was 
detected during any of the multi-point exposures 
carried out at the 50% target level (5 animals × 4 
grids/animal × 36 points/grid × 120 pulses/point = 
86,400 pulses in the treatment group). The data shown 
in Figure 2C are representative in that the SPTA 
source field intensity values for a given grid point 
remained near baseline (i.e., value obtained during 
sonication at same target and pressure level without 
microbubbles) over the entire sonication duration. 
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Figure 2. 3D transcranial subharmonic microbubble imaging in vivo. (A) Estimated in-situ SPTP negative pressure as a function of time during a calibration sonication 
with microbubbles and subsequent therapeutic exposure at the 50% target level in an animal from the treatment group (f0 = 612 kHz). (B) Normalized maximum intensity 
projection (MIP) contour images (linear contours at 10% intervals) of temporal-average source field intensity volume distributions for the pulses 34 s (SPTP negative pressure = 
0.52 MPa, no subharmonic activity) and 35 s (SPTP negative pressure = 0.54 MPa, subharmonic activity) into the calibration sonication. The received signals were captured using 
elements tuned to the subharmonic frequency (f0/2 = 306 kHz). The imaging FOV is centered on the target location (yellow ‘+’ symbols). Scale bar indicates 2.5 mm. (C) SPTA 
source field intensity from the 3D acoustic reconstructions obtained for each pulse during the calibration sonication and subsequent therapeutic exposure shown in (A). Baseline 
values from a pressure ramp at the same target location acquired without microbubbles in circulation are also shown. (D) Frequency spectrum of the unfiltered beamformed 
signal at the location of SPTA source field intensity for the pulses 34 and 35 s into the calibration sonication. The shaded region illustrates the bandwidth of the zero-phase digital 
bandpass filter applied prior to beamforming. 

 

Table 3. Summary of acoustic imaging data for pulses 
with subharmonic activity. The peak negative pressure 
subharmonic threshold (psub) values are in-situ SPTP estimates. The 
image metric values (positional error, -3 dB main lobe 
beamwidths) are based on offline, retrospective reconstructions 
(FOV = 10 mm × 10 mm × 10 mm, voxel size = 0.25 mm × 0.25 
mm × 0.25 mm). Positional error is defined as the distance 
between the location of SPTA source field intensity and the 
intended target. The main lobe beamwidths (short/long axis sizes) 
are calculated based on 3D ellipsoidal fits of -3 dB source field 
intensity isosurfaces. 

 Mean ± SD Minimum Maximum 
psub (MPa) 0.68 ± 0.15 0.40 1.00 
Detection Time (s) 47 ± 10 30 65 
Steering Distance (mm) 10 ± 4 4 18 
Steering Factor (%) 89 ± 4 78 97 
Positional Error (mm) 0.7 ± 0.5 0 3.0 
-3 dB Main Lobe Short Axis 
(mm) 

3.0 ± 0.5 2.2 3.9 

-3 dB Main Lobe Long Axis 
(mm) 

5.4 ± 0.5 4.6 6.6 

 

Variable point spacing during multi-point 
exposures 

The impact of point spacing for multi-point BBB 
opening exposures at a transmit frequency of 612 kHz 
was investigated in the first rabbit of the pilot group 
(Figure 4). Four multi-point grids with point spacings 
ranging from 0.5-2.0 mm were arranged in the same 
axial plane (Figure 4A) and sonicated at each grid’s 
respective 75% target level. Post-sonication CE-T1w 
MRI scans depicted increased BBB permeability levels 
relative to baseline (i.e., pre-sonication) within each of 
the targeted regions (Figure 4B-D). Visible drops in 
image intensity between grid points were observed 
for spacings of 1.5 mm and above, whereas a more 
uniform enhancement pattern was observed for 
spacings of 1.0 mm and below (Figure 4B and Figure 
S4A). This process was repeated in a more superior, 
non-overlapping axial plane in the same animal. 
Based on these data, a point spacing of 1.0 mm was 
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chosen for all subsequent multi-point exposures, as it 
provided the best compromise between the BBB 
opening volume (Figure S4B) and the enhancement 
uniformity (Figure S4C). 

Multi-point exposures enable large volume 
BBB opening 

An example of large volume BBB opening in an 
animal from the pilot group is shown in Figure 5. Six 
non-overlapping multi-point grids (6 × 6 points per 
grid, 1.0 mm spacing) were sonicated at target levels 
ranging from 75-95%. Increased levels of BBB 
permeability (relative to the unsonicated contralateral 
tissue) were induced within each targeted region, and 
the resulting volume of opening was assessed via 
CE-T1w MRI to be approximately 850 mm3 (Figure 
5A-C). No obvious regions of signal hyperintensity 
induced by the sonications were visible on T2w MRI 

scans acquired both immediately post-sonication 
(Figure 5D-E) and prior to animal sacrifice 3 days 
post-FUS (Figure 5F). Regions of signal hypointensity 
that were not present pre-treatment can be seen on 
corresponding T2*w MRI scans acquired immediately 
post-sonication, particularly in the posterior-most 
target volume where a clear grid pattern is apparent 
within a subset of the treated region (Figure 5G-H). 
Follow-up MRI scans taken 3 days post-FUS indicated 
that the T2*w hypointensities had been reduced in 
number and were less apparent at this time in terms 
of levels of signal intensity reduction relative to 
unsonicated tissue (Figure 5I). Histological 
examination in this animal confirmed the presence of 
extravasated RBCs in the sonicated hemisphere at the 
3 day time point, including regions that were exposed 
at the 75% target level (data not shown). 

 
Figure 3. Acoustic imaging settings employed intraoperatively and for retrospective analysis. Normalized MIP contour images (linear contours at 10% intervals) of 
temporal-average source field intensity volume distributions corresponding to a pulse with subharmonic microbubble activity (f0/2 = 306 kHz). MIPs are shown for the imaging 
settings (i.e., FOV and voxel size) employed intraoperatively during calibration (yellow boxed regions, FOV = 10 mm × 10 mm × 10 mm, voxel size = 1.0 mm × 1.0 mm × 1.0 mm) 
as well as those used for retrospective analysis offline (FOV = 40 mm × 40 mm × 40 mm, voxel size = 0.5 mm × 0.5 mm × 0.5 mm). T2w MR images from the same animal acquired 
pre-sonication are shown for scale. The acoustic imaging data corresponds to the final pulse of the calibration sonication for the anterior/inferior-most treatment volume 
depicted in Figure 6A. The target location is overlaid on the T2w MR images (yellow ‘+’ symbols). The sonication direction is out of the page (bottom-to-top) when viewing axial 
(coronal) planes. Scale bars indicate 5 mm. 
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Figure 4. Variable point spacing during multi-point exposures via electronic steering. Variable point spacing during multi-point BBB opening exposures (f0 = 612 
kHz) was investigated in the first animal from the pilot group. Four 3 × 3 grids were sonicated with point-to-point spacings of 0.5 mm (green), 1.0 mm (orange), 1.5 mm (blue), 
and 2.0 mm (red). Each grid was sonicated at its respective 75% target level, based on calibration sonications carried out at the central grid point (‘×’ symbols). (A) Target 
locations overlaid on an axial T2w MR image. (B) Axial CE-T1w MR image depicting BBB opening within each targeted volume. Coronal CE-T1w MR images intersecting the two 
(C) anterior- and (D) posterior-most grids. The coronal slice volumes are indicated on the axial T2w MR image in (A) by the horizontal yellow lines (Planes 1 and 2). The 
sonication direction is out of the page in (A-B) and bottom-to-top in (C-D). Scale bar indicates 5 mm. 

 

Exposures at 50% of subharmonic pressure 
threshold are safe 

A representative MRI dataset from an animal in 
the treatment group is given in Figure 6A. In this 
animal, four separate multi-point grids (6 × 6 points 
per grid, 1.0 mm spacing) were sonicated at each 
grid’s respective 50% target level. Increased BBB 
permeability (relative to the unsonicated contralateral 
tissue) was observed within each of the targeted 

regions on CE-T1w MRI, and no regions of signal 
hypointensity induced by the sonications were found 
on corresponding T2*w MRI scans. 

A summary of the CE-T1w MRI data from each 
multi-point grid sonicated in the treatment group is 
provided in Figure 6B. BBB opening was observed in 
each of the sonicated regions, though substantial 
inter- and intra-subject variability was observed. 
Across the 20 grids of the treatment group, the mean 
volume of BBB opening and mean signal enhance-
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ment were 48 ± 23 mm3 and 15 ± 10%, respectively 
(mean ± SD). Table 4 provides a summary of each 
individual focal spot from the treatment group (N = 
720). BBB opening was observed immediately 
post-sonication in approximately 50% of all exposed 
foci, none of which remained open 1 week following 
FUS. Signal hyperintensities on T2w MRI were seen in 
less than 2% of all foci immediately post-sonication, 
all of which resolved 1 week following FUS. No 

instances of signal hypointensities on T2*w MRI scans 
were observed in this group of animals. Considering 
only the subset of focal spots corresponding to 
calibration points (N = 20) the success rate of inducing 
BBB opening was 100%, and no abnormalities were 
observed on T2w or T2*w MRI scans acquired either 
immediately following or 1 week post-FUS at these 
locations. 

 

 
Figure 5. Multi-point exposures enable large volume BBB opening. Example of large volume ultrasound-mediated BBB opening and tissue damage in an animal from the 
pilot group, assessed via MRI. Six non-overlapping grids (6 × 6, 1.0 mm point spacing) were sonicated at target levels ranging from 75-95%. (A) Sagittal, (B) coronal, and (C) axial 
CE-T1w MR images depicting increased BBB permeability within each targeted volume (yellow dashed regions, total volume ≈ 850 mm3). The target levels for each grid are labeled 
in (A). The horizontal and vertical yellow lines in (A-C) indicate the imaging slice volumes for the two orthogonal planes. The CE-T1w MR images were acquired immediately 
following sonication of the sixth multi-point grid. Four MRI contrast agent injections (4 × 0.1 mL/kg) had been administered in this animal over the course of 90 min at the time 
of image acquisition. Axial T2w MR images acquired (D) pre-, (E) 20 min post-, and (F) 3 days post-FUS. No obvious regions of T2w MRI signal hyperintensity induced by the 
exposures were present in this animal. Axial T2*w MR images acquired (G) pre-, (H) 15 min post-, and (I) 3 days post-FUS. Regions of T2*w MRI signal hypointensity induced 
by the exposures are apparent, particularly in the posterior-most grid (H-I), which was sonicated at the 90% target level. The sonication direction is out of the page, 
bottom-to-top, and right-to-left when viewing axial, coronal, and sagittal MR images, respectively. Scale bar indicates 5 mm. 
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Figure 6. Volumetric exposures at 50% of the subharmonic pressure threshold are safe. (A) Example MRI datasets from an animal in the treatment group (Rabbit #1 
in (B). Four non-overlapping grids (6 × 6, 1.0 mm spacing) were sonicated at each grid's respective 50% target level. Axial (left) and coronal (center) CE-T1w MR images depict 
increased BBB permeability within the targeted volumes (yellow dashed regions, total volume ≈ 300 mm3). No regions of T2*w MRI signal hypointensity induced by the sonications 
were observed in this animal (right, axial slice corresponding to CE-T1w data). The MR images were acquired immediately following sonication of the fourth multi-point grid. Scale 
bar indicates 5 mm. (B) BBB opening volume and CE-T1w MRI signal enhancement for each grid sonicated within the treatment group, along with an average value for each rabbit. 
The individual grid values are presented left-to-right in the order of sonication. Error bars denote one standard deviation. (C) MRI and H&E data from the only animal in the 
treatment group for which abnormalities were observed on histology 1 week post-FUS. One small region (largest dimension < 50 μm) of extravasated RBCs within a single focal 
spot (white arrow) was found on H&E stained slices obtained 1 week post-FUS. The tissue otherwise appears normal and resembles the contralateral, unsonicated control region. 
Both regions on histology are overlaid on axial CE-T1w and T2*w MRI scans (red and black boxes). The scale bars for the MRI and H&E data indicate 5 mm and 400 μm, 
respectively. The sonication direction is out of the page (bottom-to-top) when viewing axial (coronal) MR images. 

 

Table 4. Summary of MRI and histological findings from 
treatment group. Individual focal spot analysis of MRI and 
histological data from the treatment group. 5 animals each 
received 4 non-overlapping 36-point grid exposures at the 50% 
target level (i.e., N = 720 focal spots total, N = 20 calibration 
points). 

 Time 
Post-FUS 

CE-T1w 
Hyper 

T2w 
Hyper 

T2*w 
Hypo 

RBC Extravs 

All Focal Spots 0 days 336 (46.6%) 12 (1.6%) 0 N/A 
(N = 720) 1 week 0 0 0 1 (0.1%) 
Calibration 
Points 

0 days 20 (100%) 0 0 N/A 

(N = 20) 1 week 0 0 0 0 

Hyper: hyperintense; Hypo: hypointense; Extravs: extravasations. 
 
 

In 19 of 20 volumetric sonications in the 
treatment group, no changes were found on histology 
compared to the contralateral, unsonicated control 
region. Within the remaining volumetric sonication, 
one small region (largest dimension < 50 μm) of 
extravasated RBCs was observed in the perivascular 
space of a single focal spot (Figure 6C). The focal spot 
did not correspond to the grid's calibration point. This 
area of extravasated RBCs occured in a region that 
was hyperintense on CE-T1w MRI immediately 
post-sonication yet void of obvious signal changes on 
T2*w imaging both immediately following and 
1-week post-FUS. 
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Array design affects system detection 
sensitivity 

Figure 7A shows temporal-average source field 
intensity data corresponding to a pulse during 
calibration containing subharmonic microbubble 
activity in vivo, reconstructed retrospectively using 
receiver arrays with different element counts. The 
image quality obtained in vivo (e.g., positional error, -3 
dB volume, peak sidelobe ratio, image SNR) was 
found to degrade with decreasing element count 
(Figure S5). The system’s in-vivo subharmonic 
detection sensitivity was found to increase 
monotonically with increasing element count (Figure 

7B). Poor detection performance was observed at the 
lowest level of sparsity investigated (e.g., maximum 
sensitivity of 25% with 16 receivers). A high degree of 
variability in detection sensitivity was found for a 
given level of sparsity (e.g., range = [10,75]% with 64 
receivers), demonstrating a large spread in 
performance of different array configurations with the 
same number of receiver elements. The detection 
specificity was 100% for each receiver element 
number investigated; that is, the only cases where 
subharmonic activity was detected retrospectively 
were during pulses for which it was detected during 
calibration (i.e., using all 256 receivers). 

 

 
Figure 7. Array sparsity and receiver element configuration affect image quality and detection sensitivity in vivo. (A) Normalized MIP contour images (linear 
contours at 10% intervals) of temporal-average source field intensity volume distributions from a pulse during calibration containing subharmonic microbubble activity (f0/2 = 306 
kHz), reconstructed (FOV = 10 mm × 10 mm × 10 mm, voxel size = 0.5 mm × 0.5 mm × 0.5 mm) using receiver arrays with varying levels of sparsity (N = number of receivers). 
Representative dataset from an animal in the treatment group. The yellow ‘+’ symbols denote the target location. Scale bars indicate 2.5 mm. (B) Box and whisker plots of the 
FUS systems’s in-vivo subharmonic detection sensitivity for different levels of receiver array sparsity (20 calibration sonications over 5 animals from the treatment group, 500 
distinct element configurations per level of sparsity). The error bars, ‘+’ symbol, horizontal line, and boxed region denote the minimum/maximum, mean, median, and 
interquartile range values, respectively. 
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Discussion  
We report on the feasibility of using 3D 

transcranial subharmonic imaging to calibrate 
exposure levels for safe volumetric BBB opening in 
healthy rabbits with a clinical-scale prototype 
transmit/receive ultrasound phased array. In our 
animal model, we were able to drive microbubbles to 
the point of generating subharmonic emissions 
without causing damage to the brain. Results from 
sonications carried out at target levels of 75% and 
above (Figure 5) suggest that repeated exposures at 
such pressures may be damaging to brain tissue, 
causing extensive microhemorrhage within the 
targeted region. The presence of such petechiae are 
undesirable, as they can be indicative of mild vascular 
damage or weakening of the vessel walls that can 
eventually lead to ischemic damage as a result of a 
compromised blood supply, though their impact on 
the brain may be minimal. Previous studies looking 
for ischemia or apoptosis following ultrasound- 
mediated BBB opening failed to detect anything more 
than a few individual damaged neurons, despite the 
presence of extravasated erythrocytes within the 
sonicated volumes [24,62]. Exposures at the 50% 
target level were safely performed (Figure 6), with 
few cases of edema and no evidence of 
microhemorrhage immediately post-sonication via 
MRI. Follow-up MRI 1 week post-FUS showed no 
remaining edema, and histological analysis at this 
time point revealed normal tissue apart from a small 
(largest dimension < 50 μm) region of perivascular 
RBC extravasations in 1 of 20 volumetric sonications 
from the treatment group that appeared to be below 
the detection limit of our T2*w MRI sequence (Table 
4). With these treatment parameters (i.e., pulsing 
scheme, microbubble type/dosage/administration), 
target levels above 50% should therefore be avoided 
in the context of ultrasound-mediated BBB opening, 
as they may result in unwanted damage to brain 
parenchyma. These findings are in good agreement 
with previous work that employed a single-element 
detector for exposure control and a spherically- 
focused transducer for therapy delivery using a 
similar transmit pulsing scheme [37]. 

For the transmit frequency employed in this 
work (f0 = 612 kHz), a point-to-point spacing of 1.0 
mm provided the best compromise between BBB 
opening volume and enhancement uniformity during 
volumetric exposures, as assessed by CE-T1w MRI 
using GadovistTM (Figure 4). This value corresponds 
to a grid point spacing of approximately 0.4λ, which is 
in line with previous studies that have employed a 
commercial low-frequency (f0 = 220-230 kHz) 
transcranial FUS brain system for volumetric BBB 

opening (e.g., 0.3λ in [14] and 0.5λ in [15], where λ 
denotes the acoustic wavelength). This data will help 
inform future multi-point exposure schemes for 
increasing the treatment volume during ultrasound- 
mediated BBB opening procedures, a necessity for 
clinical translation of the technique in the context of 
cerebral drug delivery for both brain tumors and 
neurodegenerative diseases. 

Although single-point sonications carried out 
with the pulsing scheme and pressure levels 
employed here correspond to SPTA power levels that 
are approximately two orders of magnitude lower 
than those required to produce thermal damage in 
brain tissue [2], the application of multi-point grid 
exposures raises safety concerns regarding the 
potential for heat accumulation due to the increased 
ultrasound duty cycle. Ray-acoustic simulations 
carried out with our hemispherical array and 
volumetric sonication scheme (i.e., 6 × 6 point grid, 1.0 
mm spacing) predicted an elevation in the SPTA 
power by a factor of 1.77 relative to the corresponding 
single-point case. Extrapolating the in-vivo data 
presented in [2] assuming a linear relationship 
between focal temperature and applied acoustic 
power, volumetric exposures at the highest pressure 
employed in this study (i.e., 1.0 MPa in situ, Table 3) 
are estimated to produce a SPTP temperature 
elevation in the brain of less than 0.05 °C for a 20 s 
sonication duration. The heat accumulation in the 
brain resulting from our 120 s duration volumetric 
exposure scheme is therefore expected to be negligible 
in practice. However, the potential for heat 
accumulation in the skull bone during such 
multi-point exposures exists, though it could not be 
monitored in the current study since the FUS device 
was not MRI-compatible. Trans-human skull 
multi-point exposures carried out using a commercial 
FUS brain system (f0 = 230 kHz, 3 × 3 grid, 3.0 mm 
spacing, effective duty cycle = 6.7%, 50 s duration) 
have been shown not to result in any appreciable skull 
heating [15], and future work will aim to evaluate the 
extent of cranial heating with our treatment 
parameters (f0 = 612 kHz, 6 × 6 grid, 1.0 mm spacing, 
effective duty cycle = 36%, 120 s duration). 

Multi-point exposures at 50% of the pressure 
required to induce spatially-coherent subharmonic 
activity in vivo led to volumetric BBB openings in all 
animals, though substantial inter- and intra-subject 
variability was seen on CE-T1w MRI (Figure 6B). This 
observed variability is most likely due to the fact that 
calibration of the subharmonic pressure threshold 
was only carried out at one point within each 
treatment grid and was assumed to hold constant at 
surrounding grid points. Local differences in cerebral 
vascularity or in the in-situ peak negative pressure 



 Theranostics 2018, Vol. 8, Issue 11 
 

 
http://www.thno.org 

2923 

(e.g., due to spatially-varying skull aberrations) across 
each grid were thus not accounted for with this 
approach. Similar variability was also apparent on 
T2*w MRI, an example of which is seen in Figure 5H 
where a subset of all 36 grid points are hypointense 
post-sonication in the posterior-most treatment region 
shown. This intra-grid variability observed on MRI 
strongly suggests that exposure levels needs to be 
independently controlled at each grid point, and 
future experiments will investigate multi-point 
subharmonic calibration in an attempt to obtain more 
consistent treatment outcomes. 

While this work demonstrates the feasibility of 
using 3D subharmonic imaging to calibrate exposure 
levels for large volume BBB opening without 
significant impacts on brain health (as assessed by 
T2/T2*w MRI and H&E histology), further research is 
needed to determine the safety of repeated large 
volume openings. Previous work in rodents has 
shown evidence of astrogliosis that persists for at least 
4 days following sonication [63]. It is possible that the 
impact of increasing treatment volumes may 
exacerbate the magnitude and/or duration of this 
effect. However, BBB closure time has previously 
been shown to be independent of opening volume 
[57], which may suggest that the impact on 
astrogliosis would similarly be independent of 
opening volume. In addition, a recent study of 
repeated large volume openings in aged canines 
suggests that a treatment frequency and repetition 
number of 7 days and 4 treatments, respectively, does 
not result in altered microglia “load” two weeks 
following the last sonication [64]. Nevertheless, 
further work in this regard is paramount for 
advancing ultrasound-mediated drug delivery for 
brain disorders that may require repeated large 
volume openings. 

Similarly, the concentration of therapeutics 
achievable within the targeted volumes using this 
general treatment approach warrants further study. 
Previous work has shown that concentrations of 
doxorubicin [65] and Herceptin [66] achieved in vivo 
are correlated with CE-T1w MRI signal enhancement 
and that the size of molecule delivered impacts the 
amount that crosses the BBB following sonication [67]. 
However, these conclusions are based on small 
volume openings and it is currently unclear whether 
this relationship would endure for larger volume 
openings. Moreover, given the dependence on 
experimental procedures (e.g., contrast agent type and 
injection protocol, imaging timing and sequence 
parameters), it is difficult to compare the levels of 
MRI signal intensity increase observed here (mean = 
15%, Figure 6B) to previous work. Further 
investigations into the pharmacokinetics of specific 

drugs, as well as the influence of opening volume, are 
warranted. 

Retrospective, large FOV reconstructions of the 
acoustic emissions data revealed that when 
subharmonic activity was detected the location of 
SPTA source field intensity was separated from the 
intended transmit focal location by at most 3.0 mm 
(Table 3). This finding is important as it suggests that 
large reconstruction volumes may not be necessary to 
apply these beamforming methods for guiding 
ultrasound-mediated BBB opening procedures, at 
least with the calibration approach employed in this 
work. The large FOV reconstructions presented here 
(Figure 3) took over 300 times longer to compute than 
those reconstructed intraoperatively during 
calibration (i.e., 27.1 s vs. 8.5 x 10-2 s), despite the use of 
a computationally efficient beamforming algorithm 
that was parallelized and run on a GPGPU [54]. The 
reconstruction time places a theoretical upper bound 
on the rate at which pulses can be delivered if acoustic 
imaging-based feedback is to be carried out on a 
pulse-by-pulse basis, a limit that becomes increasingly 
restrictive in treatment scenarios where multi-point 
grid exposures and/or high PRFs (per spatial target) 
are desired. Our data suggest that with this 
calibration approach the use of small imaging FOVs 
centered on the intended target location (i.e., 10 mm × 
10 mm × 10 mm), along with coarse voxel sizes (i.e., 
1.0 mm × 1.0 mm × 1.0 mm), can reduce 
reconstruction times substantially without missing 
cavitation events. 

Although the data reported here indicate that 
small FOV reconstructions may be sufficient for 
acoustic imaging-based feedback during ultrasound- 
mediated BBB opening, for general clinical 
implementation it would be desirable to reconstruct 
microbubble activity within the entire human skull 
cavity (mean volume ≈ 10 cm × 14 cm × 16 cm for 4 
ex-vivo human skulls in our laboratory) in real-time 
during the treatments to ensure that no off-target 
cavitation activity is occurring. For example, 
cavitation activity can occur outside of the intended 
focal volume in the brain due to the formation of 
standing waves within the skull cavity [31-32] or in 
regions with a lower cavitation threshold, such as 
tissue-ventricle interfaces [68]. It is anticipated that 
large FOV acoustic imaging will be particularly 
critical for ensuring treatment safety during 
bubble-mediated therapies that harness violent 
inertial cavitation activity, such as sonothrombolysis 
[69], mechanical ablation [41,70-71], and histotripsy 
[72]. Future work should thus investigate methods for 
accelerating image formation, as well as the 
application of this general treatment guidance 
approach in the context of other cavitation-mediated 
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treatments both in the brain and in other parts of the 
body [73-74]. 

Further retrospective analysis of the acoustic 
emissions data demonstrated that the imaging 
system's in-vivo subharmonic detection sensitivity is 
highly dependent on both the number and spatial 
configuration of sensors employed for image 
formation. In general, the image quality obtained was 
improved by using arrays with higher element counts 
(Figure 7A and Figure S5), which is consistent with 
our previous in-silico findings [61]. The large 
variability observed in array performance for a fixed 
level of sparsity (Figure 7B) illustrates the importance 
of sensor configuration on the resulting imaging 
quality obtained, and underscores the benefits 
obtained from simulation-optimized element layouts 
in designing sparse receiver arrays [61]. 

A limitation of this work is that following the 
initial calibration sonication, volumetric exposures 
were carried out at a fixed pressure level and the 
treatments effectively became open-loop. Any 
changes experienced by the microbubbles over the 
course of the volumetric exposures (e.g., growth or 
shrinkage from being in the vasculature) were thus 
not accounted for with this approach. Regardless, no 
subharmonic microbubble activity was detected 
during any of the volumetric exposures carried out at 
the 50% target level, and therefore no acoustic 
signatures were available for treatment feedback. It is 
possible that the short capture lengths employed here 
(3.2/10 ms during calibration sonications, 0.75/10 ms 
during volumetric exposures) limited our ability to 
detect subharmonic activity, either due to insufficient 
SNR or microbubble disruption within the transmit 
focal volume during the beginning portion of the 
pulses. Nevertheless, the detection of other spectral 
frequency bands, such as harmonics of the driving 
frequency (i.e., (n+1)f0, n = 1,2,3…) [25,36,39], may 
provide additional information that can be used for 
treatment guidance during BBB opening exposures 
carried out below the threshold for detecting 
subharmonic microbubble activity. Bandpass filtering 
of our channel data about the second harmonic 
frequency (i.e., 2f0 = 1224 kHz) prior to beamforming 
did not produce spatially-coherent acoustic activity 
during any of the exposures carried out at the 50% 
target level. However, in this study the channel data 
were captured using the transducer elements tuned to 
the subharmonic frequency (i.e., f0/2 = 306 kHz), 
which have reduced levels of sensitivity at the second 
harmonic. In future experiments we plan to use the 
high frequency elements present within the 
transducer modules of the current array to assess the 
feasibility of 3D second harmonic imaging during 
exposures carried out at pressure levels for which 

subharmonic activity is not detectable. However, it is 
worth noting that such higher frequency content is 
more susceptible to transcranial distortions that may 
need to be accounted for. Closed-loop exposure 
control based on these emission signatures [39,75] 
could also be incorporated within an acoustic 
imaging-based framework in the future. 

Finally, although a phased array transducer was 
employed in this work, element-specific transcranial 
aberration correction was not performed to simplify 
the experiments. Our ability to generate focal regions 
of increased BBB permeability in vivo suggests that 
any beam defocusing caused by the relatively thin 
rabbit skulls (thickness ≈ 1.5-2.0 mm) was minimal at 
the transmit frequency employed in this work (f0 = 
612 kHz). Nonetheless, in a clinical setting there will 
be a greater need to compensate for skull-induced 
aberrations, both on transmit and on receive, due to 
the increased thickness of human cranial bone relative 
to the acoustic wavelength(s) of interest. On transmit, 
skull-induced distortions lead to a defocusing of the 
therapy beam that complicates the prediction of 
in-situ pressure field distributions, altering the 
location and magnitude of the peak negative acoustic 
pressure, as well as the shape of the focal zone [29]. 
Similarly, on receive, skull-induced aberrations lead 
to a degradation in image quality if not properly 
compensated for [54,61,76]. However, the need for 
element-specific trans-skull aberration corrections is 
diminished at low acoustic frequencies, both on 
transmit [77] and receive [61]. It may therefore be 
possible to map subharmonic microbubble activity in 
vivo through human skullcaps at the frequency 
employed in this work (f0/2 = 306 kHz) without 
incorporating aberration correction into the 
reconstruction process, though such an approach 
would only be permissible in scenarios where precise 
spatial cavitation localization and high detection 
sensitivity are not essential. For instance, the 
treatment margins during large volume BBB opening 
[64] are more forgiving than those for inertial 
cavitation-mediated surgical applications of 
ultrasonic brain therapy (e.g., sonothrombolysis [69], 
mechanical ablation [41,70-71], histotripsy [72]), for 
which aberration corrections may be critical to ensure 
precise targeting. Nevertheless, experiments in a large 
animal model with ex-vivo human skullcaps (e.g., see 
Huang et al. [15]) and appropriate aberration 
correction techniques [61,78] are required prior to 
initial clinical testing with this device. 
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