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Abstract—Penetration of nanoscale therapeutic agents 

into the extracellular matrix (ECM) of a tumor is a limiting 
factor for sufficient delivery of drugs in tumors. Ultrasound 
in combination with microbubbles causing cavitation, is 
reported to improve delivery of nanoparticles (NPs) and 
drugs to tumors. Acoustic radiation force (ARF) could also 
enhance the penetration of NPs in tumor ECM.  In this work, 
a collagen gel was used a model for tumor ECM to study the 
effect of ARF on the penetration of NPs as well as 
deformation of collagen gels applying different ultrasound 
(US) parameters (varying pressure and duty cycle). The 
collagen gel was characterized, and diffusion of water and 
diffusion of NPs measured. The penetration of NPs into the 
gel and was measured by confocal laser scanning 
microscopy and numerical simulations was performed to 
determine the ARF and to estimate penetration distance 
and extent of deformation. ARF had no effect on the 
penetration of NPs into the collagen gels for the US 
parameters and gel used, whereas a substantial 
deformation was observed. The width of the deformation on 
the collagen gel surface corresponded to the US beam. 
Comparing ARF caused by attenuation within the gel and 
Langevin pressure caused by reflection at the gel-water 
surface, ARF was the dominant mechanism for the gel 
deformation. The experimental and theoretical results were 
consistent both with respect to NP penetration and gel 
deformation. 
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I. Introduction 

Encapsulation of therapeutic agents into nanoparticles (NPs) 
has been shown to enhance the accumulation of drugs in tumors 
compared to administration of free drugs  and to reduce the 
toxic effects toward normal tissue [1]. This is probably due to 
the Enhanced Permeability and Retention (EPR) effect, i.e. the 
hyperpermeable tumor vessels and lack of functional lymphatic 
vessels [2]. Although the accumulation of drugs is increased, it 
is still low [3], and NPs are heterogeneously distributed in the 
extracellular matrix (ECM), mainly located close to the vessel 
wall [4],  thus the drug treatment becomes in-sufficient. 

Focused ultrasound (FUS) has been reported to improve the 
tumor uptake of NPs and improve the distribution of NPs 
throughout the ECM [5]. Cavitation is an important and well-
studied mechanism in the field of drug delivery [6, 7]. However, 
acoustic radiation force (ARF) could also be a mechanism for 
local enhanced drug delivery. ARF is the transfer of momentum 
to the tissue from the US wave due to absorption and scattering 
of the wave. The ARF results both in displacement of particles 
and tissue [8]. In addition, ARF acting on a fluid medium results 
in a flow known as acoustic streaming [9] which may increase 
the drug transport in tissue. ARF has also been reported to push 
microbubbles circulating in the blood stream towards the vessel 
wall [10-14], to induce shear forces, which can open gaps in 
endothelium of the vessel wall, to widen the intercellular space 
[15], and to expand the extracellular and perivascular spaces in 
the brain [16].  

The present study aims to develop an in vitro model to study 
mechanisms behind US enhanced delivery of NPs. In vitro 
models are important supplements to in vivo studies. Collagen 
gels were used as collagen is the major structural component of 
the ECM, and collagen gels have similar mechanical properties 
and porous structures as ECM [17]. Structural and mechanical 
properties of the collagen gels were determined. Collagen gels 
containing NPs were exposed to different US parameters using 
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a focused 10 MHz US transducer. The penetration of the NPs 
into the gel and deformation of the gel were imaged using 
confocal laser scanning microscopy (CLSM). To further 
understand the experimental results, the theoretical magnitude 
of the ARF was estimated using the experimental US 
parameters, and the deformation of the collagen gel due to ARF 
was estimated.  

II. MATERIALS AND METHODS  

A. Collagen gel preparation 

Collagen solutions were prepared from rat-tail CORNING 
COLLAGEN I, High Concentration (8 - 11mg/mL) (BD 
Biosciences, San Jose, CA, USA), following the manufacturer’s 
protocol. In brief, collagen solutions were prepared by mixing 
concentrated collagen with 10X concentrated phosphate-
buffered saline (PBS) (Sigma-Aldrich, St. Louis, MO, USA) to 
a concentration of 2.5 mg/ml. Collagen solutions were pH 
adjusted to 7.2 ±0.2 by adding 1M sodium hydroxide. Before 
mixing all components, they were kept on ice for at least 30 
min, and after mixing they were kept at 37°C for 40 min to 
polymerize. A collagen-NP solution was made by adding NPs 
to the collagen solution at a NP concentration of 120 μg/mL and 
vortexing thoroughly.  

A two-layered in vitro collagen gel was made for studying 
penetration of NPs into a model for tumor ECM. The collagen-
NP gel was combined with the collagen gel prior to gelling. A 
2 mm diameter and 1 mm deep  silicone well  (Grace Bio-Labs 
Press-To-Seal silicone isolator, PSA one side, Sigma-Aldrich, 
St. Louis, MO, USA ) was centered and attached to the bottom 
of one well of a μ-slide 8 well chamber slide with grids (Grid-
500 ibidi, Thermo Fisher Scientific Inc., Pittsburg, PE, USA). 
7 μL of 2.5 mg/mL collagen solution was pipetted into the 
silicone well. 7 μL of 2.5 mg/mL collagen-NP solution was 
pipetted on a 5 x 5 mm glass coverslip. The coverslip was 
flipped upside down and pressed gently onto the silicone well 
to combine the collagen-NP solution with the collagen solution. 
The well plates were immediately lidded, inverted (to avoid 
sedimentation of NPs during gelling) and incubated at 37C for 
40 min to polymerize. Then, the collagen models were stored 
inverted at 4C and used for experiments within 12 hours. Right 
before use, the well plates were inverted again, the coverslip on 
top was gently removed, and the gel was covered with 400 μl 
PBS before a pre- US image was acquired with CLSM as 
described below.  
 

B. Synthesis and characterization of NPs  

The PEGylated poly(2-ethyl-butyl cyanoacrylate) (PEBCA) 
NPs were synthesized by miniemulsion polymerization as 
described previously [18]. The NPs used in this study were 
loaded with the fluorescent dye NR668 (modified NileRed [19], 
custom synthesis, 0.5 wt%) by addition to the oil phase of the 
miniemulsion. For PEGylation of the NPs, Brij L23 (10mM, 23 
PEG units, MW 1225, Sigma-Aldrich, Oslo, Norway) and 
Kolliphor HS15 (10mM, 15 PEG units, MW 960, Sigma-
Aldrich, Oslo, Norway) were added to the aqueous phase of the 

miniemulsion. For more details see [18, 20]. The size, 
polydispersity index (PDI) and the zeta potential of the NPs 
were measured by dynamic light scattering (DLS) using a 
Zetasizer Nano ZS (Malvern Instruments, Malvern, UK).  The 
z-average diameter was in the range of 140-195 nm, PDI was 
less than 0.2, and the zeta-potential was in the range of -1 to -
2.5 mV. PEGylation of the NPs were quantified by 1H nuclear 
magnetic resonance (NMR) as described elsewhere [21] and 
41.4 ethylene units per nm2 was measured.  

C. Characterization of collagen gels 
1) DW-MRI 

Diffusion-weighted Magnetic Resonance Imaging (DW-
MRI) was performed on one-layer collagen gel. A μ-slide of 8 
wells was filled with 684 μL of gel per well. DW images were 
acquired on a 7T Bruker Biospec (Bruker Biospin, Ettlingen, 
Germany) with a 72 mm volume resonator for RF transmission 
and a quadrature mouse brain surface coil for reception [22]. 
The images were acquired as explained in [22] by the following 
settings: spin echo (SE) planar imaging (EPI),   echo time (TE) 
= 28ms, repetition time (TR) = 3000 ms, 4 segments, NA=4, 
matrix size = 64 x 64, b-values = 100, 300, 600 and 1000s mm2, 
diffusion gradient separation time=14 ms, diffusion gradient 
duration = 7 ms, three orthogonal gradient orientations (and fat 
suppression, for tumor comparison values). The Apparent 
Diffusion Coefficient (ADC) maps were computed using in-
house software developed in MATLAB (Mathworks Inc., 
Natick, MA, USA). For each voxel, the logarithm of the signal 
intensity vs b-value was fitted linearly to obtain ADC value for 
each gradient direction, followed by averaging over the three 
gradient directions to obtain mean ADC maps. The median 
ADC for each gel was calculated for the entire gel.  

 
2) Measurements of the Young modulus using indentation 

The Young modulus of one-layer collagen gel was estimated 
using a custom built macroindenter. The indenter with a 2.25 
mm radius spherical tip, was mounted onto a single-axis stepper 
motor (TRB25CC, Newport, Irvine, CA,USA) (travel range 0 – 
25 mm, minimum increment 0.1 m), connected to a motion 
controller (SMC100CC, Newport, Irvine, CA,USA). Force was 
recorded using a load cell (WZA2244-N, Sartorius, Gottingen, 
Germany) (max load 220 g, resolution 0.1 mg.). All tests were 
performed on gels in a well (18 mm in diameter and 2 mm 
height). The force and z-position of the indenter were recorded 
at an indentation speed of 40 µm/s. The gel was compressed by 
about 10-15% of its thickness, to minimize the effects from the 
bottom of the well. A series of 5–6 indentations were performed 
at different locations on the gel. Three different gel samples 
were tested. 

The Hertz contact model was used to obtain the elastic 
modulus from the load-indentation depth curves [23]. For a 
spherical indenter of radius R, force-displacement curve is 
given by [23, 24]: 

F= 𝐸∗√𝑅ℎ ∗ ℎ                                                                  (1) 

 
where 𝐸∗  is the reduced modulus of the collagen gel, R is the 
radius of the indenter tip, h is the distance of the indenter into 
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the collagen gel surface and F is the force measured by the load 
cell.  For two elastic bodies in contact (indenter and gel), the 
reduced modulus 𝐸∗can be obtained from Hertz contact theory 
[23]: 

 = ∗ −                                                                   (2) 

 
where 𝜈 is the Poisson’s ratio and E is Young’s modulus of the 
gel, and νi and Ei those of the indenter. Approximating the 
collagen gel as an incompressible material [24], the Poisson 
ratio (ν) is 0.5. For the indenter tip made of Teflon, Ei = 0.5 GPa 
and νi = 0.41 [25].  The Young modulus of the collagen gel was 
determined by fitting Eq. (1) to the experimental data to get E* 
and using Eq. (2) to estimate E. 
 
3) Deformation of Collagen gel by indenter 

The inelastic response of the gel was also assessed with the 
indenter. One-layer collagen gel was placed in a container as 
described above, and 40 µl of PBS was added on top of the gel 
to prevent drying. The indentation parameters used were the 
same as described above. The macroindenter compressed the 
collagen gel reducing its thickness 10-15%, and the indenter 
compressed the gel for 10 min before being unloaded. Ten min 
holding time was applied to be consistent with the total 
sonication time used experimentally. Immediately after 
unloading, the gel was loaded again at the same position and 
immediately unloaded. In both cases, the load and displacement 
of the indenter were recorded. From the force-distance curve of 
the two indentations, the difference in the contact point between 
tip and collagen surface was computed, describing how much 
the gel was deformed during the first indentation. Six different 
collagen samples were used, and each sample was indented at 
3-5 different positions.  
 
4) Diffusion of NPs in collagen gels 

Diffusion of NPs in one layer collagen-NP gel (300 μL) was 
measured by CLSM and  Raster Image Correlation 
Spectroscopy (RICS) as described previously [21] and analyzed 
as in [26]. An inverted LSM 510 (Carl Zeiss, Oberkochen, 
Baden-Württemberg, GE) and HeNe laser was used. The 
collagen network was imaged by CRM, using a HeNe laser (543 
nm) and a 500-550 nm band-pass filter. NP fluorescence was 
detected using a 560 nm long pass filter. Time series of CLSM 
images were obtained by consecutive images (frames) of NPs 
in the gel. For every experiment, 8 or 15 frames (512x512 
pixels) at minimum 8 locations in the gel, were collected. The 
scanning speed along the fast scanning axis was 51.2 μs/pixel 
and the scanning step corresponding to one pixel was 54.9 nm. 
The estimated number of NPs per confocal volume and the 
diffusion coefficients of the NPs were calculated with the RICS 
Manics software. The mean and standard deviation (SD) of the 
diffusion coefficient are weighted by the number of particles 
per confocal volume. The experiment was performed three 
times with new gels. RICS analysis was also performed as 
above for NPs in PBS solution (n=3).  
 

 

D. US set-up and treatment 

A single-element, FUS immersion transducer (center 
frequency: 10 MHz, focal depth: 50 mm, diameter: 19 mm, S-
series; Harisonic, Besancon, France) was driven by an arbitrary 
waveform generator (33500B, Agilent Technologies, Santa 
Clara, CA, USA) through a 50-dB power amplifier (2100L, 
E&I, Rochester, NY, USA). Characterization of the transducer 
was performed in an Acoustic Intensity Measurement System 
(AIMS III, Onda, Sunnyvale, CA, USA), filled with degassed 
water, using an HGL-0200 capsule hydrophone with anAG-
2010 pre-amplifier and analyzed with Soniq Software (Onda, 
Sunnyvale, CA, USA). The -3 dB and -6 dB beam widths at foci 
had diameters of 0.34 mm and 0.52 mm respectively. The 
transducer was placed in a custom-made cone filled with 
degassed distilled water and sealed with an acoustically 
transparent parafilm membrane (Bemis Company Inc., Neenah, 
WI, USA). The cone was gently placed into a hole in the middle 
of the well plate lid, the excess PBS was pushed away without 
generating air bubbles and the cone was held in place by a 3D 
positioning arm. The well plate was placed on a platform 
holding the bottom of the plate in a degassed water bath with 
acoustic absorbers at the bottom to minimize standing waves. 
US treatment was given from above (Figure 1). 

The US parameters were chosen to deliver less than 6.1 W, 
which was the maximum effect to be used to avoid heating and 
damage of the transducer according the manufacturer. US 
exposure were changed as a function of 1) pressure and 2) duty 
cycle; 

1) Three acoustic pressures (peak negative pressures) of 2.2, 
2.7 and 3.0 MPa at focus were applied, with 0.5 μs pulse length 
and 66 kHz pulse repetition frequency (PRF) resulting in a duty 
cycle of 3.3%.  

2) Three different pulse lengths of 23.3, 46.7 and 93.3μs were 
used at 2.2 MPa and PRF of 1 kHz resulting in 2.3, 4.7 and 9.3% 
duty cycles respectively. All US treatments had a duration of 10 
min and experiments were performed three times for each 
combination of parameters. 

 
Figure 1: Schematic illustration of the US exposure setup 
and the resulting collagen gel model with NPs (green) 
confined in the top layer of the model.  
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E. Confocal imaging of collagen model 

The distribution of NPs in 2-layered collagen gels were 
imaged by CLSM (TCS SP8, Leica, Wetzlar, GE) to generate 
z-stack of the gel before and after US exposure. The same 
imaging procedure was performed for control experiments, 
placing the collagen gel in the US exposure setup, but no US 
was applied. In sequential scans, a White Light laser (WLL) at 
471 nm was used to excite NR668-labeled NPs and 
fluorescence was detected at 560-650 nm, and collagen fibers 
were imaged by CRM with a 464-477 nm band-pass filter in 
front of the detector. A 25X/0.95 water immersion objective 
was used. Tile scans of the middle 1.36 x 1.36 mm of the gel 
were obtained by stitching 6x6 images together in the Leica 
LASX hardware. The images were captured using a frame size 
of 512x512 pixels (233 x 233 µm) at 600 Hz scan speed. A tile 
scan z-stack was generated by capturing these tile scans every 
10 µm from the bottom of the ibidi grid slide to the top surface 
of the gel, generating a 3D image stack (a tile scan z-stack) of 
both the fluorescence channel and the reflection channel. An 
optical section of 11.8 µm was used. All samples had a 
thickness of 950 ± 50 µm, giving rise to z-stacks of around 100 
tile scans. The laser intensity and detector gain were kept the 
same for all samples, and were set to minimize noise and utilize 
the grey scale. More detailed image of collagen fibers and NP 
distribution were acquired at higher zoom factors throughout 
the gel. To visualize the collagen fibers and the NP distribution 
at the boundary between collagen-NP and collagen only, a 
volume of 38x38x80 µm (w x l x h) selected at the boundary 
between the two layers in the model from a 3D image stack and 
a 3D volume was reconstructed in Amira Software [27].  
 

F. Image processing and quantification of NP 
penetration 

The tile scan z-stacks were processed in ImageJ (National 
Institutes of Health, Bethesda, MD, USA) to quantify the NP 
fluorescence as a function of penetration into the collagen gels. 
The US exposure had caused a circular indentation on the gel 
surface, and in the post US images, a circular ROI of 300 µm 
diameter was selected in the center of the indent to analyze a 
region that had received US treatment above the -3dB acoustic 
pressure. The mean intensity in the ROI was calculated as a 
function of distance into the gel, in both channels of the z-stack 
pre and post US treatment. The same size area was selected in 
the center of the z-stacks obtained from the control experiments 
and the same calculation was performed.  

The obtained data from ImageJ was imported to MATLB 
(MathWorks Inc., Natick, MI, USA) for further analysis and 
plotting. Representative fluorescence intensity profiles 
obtained before and after US exposure are plotted together in 
Appendix C, Figure S1a.  The displacement of the post-US 
intensity profile relative to pre-US profile was quantified as 
following: The surface of the gel was defined at the position 
where the fluorescence intensity had increased to half of 
maximum value. The interface between NP-collagen gel and 
collagen gel was defined at the position in the gel where the 

fluorescence intensity decreased to half of maximum value. The 
displacement through the NP-collagen gel was estimated from 
characteristic peaks in the fluorescence intensity profile as 
indicated in Appendix C, Figure S1a, and these displacements 
were plotted as a function of position in the gel in Appendix C, 
Figure S1b. An exponential curve was fitted to the data. 

G. Statistical analysis 
One-way ANOVA tests were carried out to evaluate 

statistically significant differences between treatment groups 
(SigmaPlot 13.0, Systat Software Inc., San Jose, CA, USA). 
Differences between treatments were considered statistically 
significant for p < 0.05. All experiments consist of three 
replicates and the results are expressed as mean ± SD, unless 
otherwise is specified. 

H. Simulation of pressure, ARF and displacement of the 
gel and NPs 

ARF was simulated using the experimental US input 
parameters to obtain information about the magnitude of the 
ARF and possible displacement of NPs into gels as well as the 
deformation of the collagen gel caused by the US beam.  Both 
ARF attenuation and radiation pressure were considered 
(Figure 2). 

  
1) ARF estimation 

The ARF is given by the transfer of momentum from the 
wave to the medium of propagation, where the pressure and 
particle velocity become out of phase,  and is proportional to 
the average intensity of the wave and the attenuation of the 
medium [28]. To account for the frequency dependence of the 
attenuation in the medium, the ARF per unit volume (Δ𝑉) can 
be expressed as (see Appendix B) [29, 30]: 

Δ𝐹 (𝑟, 𝜔)

Δ𝑉
=

1

2𝜋𝑇 𝜌𝑐
∫ 𝛼(𝑟, 𝜔)|𝑃(𝑟, 𝜔)|  𝑑𝜔  (3) 

 

 
Figure 2: The flow chart showing the physical processes on the 
gel surface and in the gel induced by ARF and the radiation 
pressure.  The equations used to calculate ARF, attenuation, 
reflection and gel deformation and acoustic streaming are 
indicated.  
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where r, w, 𝜌 ,c and 𝑇  are position, angular frequency,  mass 
density, speed of sound and pulse duration, respectively. α(r, 𝜔) 
is the attenuation and is given by the sum of absorption and 
scattering, and 𝑃 (𝑟, 𝜔) is the Fourier transform of the pressure 
at the point 𝑟. 

Acoustic attenuation in biological tissue follows a power law 
frequency dependence in the form of:  

𝛼(𝑓) = 𝛼 (
𝑓

𝑓
)    (4) 

 
where α0 is the attenuation constant at 𝑓 , 𝑓 is the frequency in 
MHz, 𝑓  is usually 1 MHz, and 𝑏 is the frequency-power law 
exponent. Typically, b is in the range of 1 ≤ 𝑏 ≤ 1.6 in most 
biological tissues and 2 in water [31].  

As shown by Eq. (4), ARF is a function of the attenuation 
and intensity. In order to obtain high amplitude of ARF and 
induce effective transport of the objects, the amplitude of the 
ultrasonic excitation should be high enough to excite the 
nonlinear effects. Eq. (5) shows that the harmonics are more 
strongly attenuated by the medium than the fundamental. To 
calculate the ARF in an irradiated medium using Eq. (4), the 
pressure 𝑃(𝑟, 𝜔) was first calculated using an existing 
simulation software, HIFU simulation [32], which is based on 
the KZK equation. Then, the ARF was computed using a 
custom-written script in MATLAB (Mathworks Inc., Natick, 
MA, USA). In the simulations of ARF, water was used as the 
propagation medium for the first 51.6 mm followed by the 
thickness of the collagen gel.  The parameters for water were: 
𝛼  = 0. 025 Np/m [31], 𝑏 = 2, 𝑐 = 1482 m/s, density 𝜌 = 1000 
kg/m3, and nonlinearity parameter (B/A) = 4.96 [33] and for 
collagen gel: 𝛼  = 0.18 Np/m [34],  𝑏 = 1.6 [34], c = 1496 
m/s [35], 𝜌 = 1116 kg/m3 [35] and B/A = 7.43 (B/A of muscle 
[33]  due to lack of  experimental data for collagen gel). The 
surface transducer pressures used as input parameters in 
simulation of the ARF were determined as described in 
Appendix A, and found to be 105, 146 and 206 kPa for peak 
negative pressures of 2.2, 2.7 and 3.0 MPa.   

A radiation pressure will also be exerted on interfaces where 
there is a reflection associated with impedance differences, 
termed Langevin radiation pressure. The net force per unit area 
on an interface (PR) between two media with different acoustic 
properties is given by [36]:  

 

𝑃 = (1 + 𝑅 − (1 − 𝑅 ))                           (5) 

 

where,  𝑅 =  is the pressure reflection coefficient, z1, and 

z2 are the acoustic impedance of medium 1 and medium 2, 
respectively, c1, and c2 are the speed of sound in medium 1 and 
medium 2, respectively, and  𝑃  is the RMS pressure in the 
incident US beam. 

Assuming uniform pressure (PL), with radius a, on an elastic 
half space, the deformation at the interface (𝛿) is given by [37, 
38]: 

 

𝛿 = 2 ∗ 𝑃 𝑎                                           (6) 

where, 𝜈 is the Poisson’s ratio of the material, and E is Young’s 
modulus of the material. The total US induced deformation of 
the material is due to a combination of the ARF resulting from 
the material is due to a combination of the ARF resulting from 
gel attenuation and Langevin pressure resulting from reflection 
at the water-gel interface. The ARF load was estimated from 
Eq.3 and multiplied by 𝜋𝑎 ℎ, (assuming cylindrical 
configuration). 𝑎 is half of the beam width and h is thickness of 
the gel. The whole thickness of the gel was used because the 
absorption length is longer than the gel thickness. The Langevin 
surface pressure was estimated by Eq. 5 and multiplying with 
the area 𝜋𝑎 . 
 
2) Displacement of NPs due to acoustic streaming 

The attenuation of the US wave produces an ARF on the NP 
and the fluid in which the NP is suspended. NP motion is 
induced because of entrainment by the moving fluid depending 
on the NP’s size, density and surface characteristics [39, 40].  
Hence, NPs may be transported through the interstitium if the 
NPs can move freely with the fluid, i.e. if the pore diameter of 
the interstitial space is larger than the particle size. By 
modelling the interstitium as a porous medium [17, 41], the 
velocity of the fluid can be calculated by Darcy’s law: 

 

𝑈(𝑟) =
∇

=   𝐾′∇𝑃                               (7) 

where 𝑈 is the fluid velocity, K is the specific permeability, µ 
is the dynamic viscosity,  K’ is the hydraulic conductivity of the 
interstitium [42] and ∇P is the pressure gradient on the medium 
that is the driving force for the fluid. The mean dynamic 
viscosity of collagen gel (2.5 mg/ml) has been reported to be 
7.96 Pa·s [43], and specific permeability of collagen gel (3.5 
mg/ml) ranges from 10-14 to 10-13 m2   [44] and for a 
concentration of 1.5 mg/ml, a mean value of 7.67 x 10-13 m2  is 
reported [45]. Therefore, the hydraulic conductivity (K’) for 
collagen gel (2.5 mg/ml) ranges from approximately 1.25 x 10-

15 m4N-1s-1 to 10-13 m4N-1s-1. Assuming ARF is the only 
unbalanced force acting on the medium, ∇P = ΔFr/ΔV. The 
displacement of the NPs can be estimated as: 

                               𝜓 = 𝑈𝑇 = 𝐾′
∆

∆
𝑇                           (8) 

where 𝑇  is the total time the particle was exposed to the ARF.  
For a pulsed excitation 𝑇 = 𝐷𝐶 ·  𝑇 , 𝐷𝐶 is the duty cycle 
and 𝑇  is the total scanning time.  
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III. RESULTS 

A. Characterization of collagen gels 
1) Young’s modulus of collagen gels 

The Young modulus was determined from indentation data, 
and the Hertz contact model was fitted to the experimental data. 
A representative experimental indentation curve and the 
corresponding fitting are shown in Appendix D, Figure S2. The 
Young modulus was found to be E=0.24 ± 0.02 kPa (mean of 3 
independent experiments). 

 
2) DW-MRI 

The diffusion of water in the gel was measured and compared 
to ADC values in tissue. The ADC value of water in 2.5 mg/ml 
collagen was 1.83 x 10-3 mm2 s-1  which is of the same order of 
magnitude as ADC values found for tissues, 0.6 x 10-3 mm2 s-1  

to 1 x 10-3 mm2 s-1  [46]. 
 
3) Diffusion of NPs in collagen gels 

A CRM image of the collagen network and fluorescent NPs 
is shown in Figure 3a. RICS and image analysis of NPs 
diffusing in collagen gels revealed a multimodal diffusion 
behavior that could be divided into three distinct populations of 
NPs: fast diffusing, slow diffusing and immobile.  

The percentage of NPs within the three “diffusion groups” 
and their diffusion coefficients are shown in Figure 3b and c, 
respectively. The percentage of fast and slow diffusing NPs 
were 44 ± 35% and 45 ± 32% respectively, and the remaining 
11 ± 8% were immobile. The diffusion coefficient for the fast 
and slow diffusing NPs were 2 ± 4 µm /s and (2 ± 2)x 10-2 
µm /𝑠, respectively. The diffusion coefficient of NPs in PBS 
was measured to be 2.4 ± 1.3 µm /s, which is consistent with 
the Stokes-Einstein relation (calculated to 2.4 µm /s at 20 ºC in 
water). Thus, the diffusion coefficient of the fast diffusing NPs 
in collagen gel is not significantly different from the diffusion 
coefficient of NPs in water.  
 

B. Two-layered collagen tissue-mimicking model  

A two-layered collagen gel with NPs and collagen in the 
upper layer and collagen only below, were used as a model for 
tumor ECM. A high concentration of NPs is often observed 
close to the blood vessel wall [4] and the upper collagen-NP 
layer represented this NP distribution and the NPs could 
penetrate into the collagen layer below. A CLSM image of a 
XZ-cross section of the two layers are shown in Figure 4, and 
further described in the supplementary (see Appendix E, Figure 
S3). The intensity profile of the collagen is shown in Figure 
S3d. The continuous intensity profile shows that the collagen 
network is continuous also at the interface between the two 
layers.  

 
Figure 3: Diffusion of NPs in collagen gel.  a) Overlay image of reflection and fluorescence channel showing collagen 
fibers (white) and NPs (green) Some NPs are indicated by the arrows. b) Percentage of NPs in each population of immobile, 
slow and fast diffusing NPs with SD (n=3). c) The corresponding average diffusion coefficient for the slow and fast 
diffusing populations with SD all analyzed particles.   

 
Figure 4: US induced displacement of the collagen gel. a) 
Before US b) After US exposure.  XZ cross sections were 
imaged from the surface of the gel to the bottom.  
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C. Displacement of NPs and collagen gel by US 

Z-stacks of images acquired before and after US exposure in 
the center region of the gels were analyzed to detect a change 
in NP penetration into the gels. In Figure 5, clearly visible 
changes from the pre image (Figure 5a) of the gel to the post 
US exposure image (Figure 5b) show that the US exposure 
induced a deformation on the gel. The width of the deformation 
on the gel surface corresponded to the US beam. The NP 
fluorescence intensity decreased steeply at the interface 
between the two gel layers (see Appendix E Figure S3e) and no 
NP fluorescence was detectable in the lower collagen gel. This 
indicates that the observed shift in fluorescence intensity profile 
is due US-induced displacement at the gel surface and US had 
no detectable effect on NP penetration in the gel.  

The displacement of the gel was determined by comparing 
the fluorescence intensity profiles before and after the US 
exposure. This displacement seemed to decrease exponentially 
as a function of position into the gel. The experimental data and 
the exponential fitted decay curves are shown in Figure 5. The 
mean US-induced gel displacement as a function of position 
into the gel is shown for the three peak negative acoustic 
pressures using a duty cycle of 3.3% (Figure 5a) and for the 
three duty cycles using peak negative pressure of 2.2 MPa 
(Figure 5b). The gel displacement increased with increasing 
peak negative pressure (Figure 5c) as well as duty cycle (Figure 
5d).  

The deformation (Figure 5c) showed that an increase in peak 
negative acoustic pressure from 2.2 to 2.7 MPa lead to an 
increased mean gel deformation from 50 ± 16 µm to 90  ± 23 
µm. A further increase to 3.0 MPa resulted in a mean 
displacement of 151 ± 55 µm. Increasing the duty cycle from 
2.3% to 4.7% (Figure 5d) increased the displacement from 63 
± 16 µm to 120 ± 16 µm. A further doubling of the duty cycle 
to 9.3% lead to a gel displacement of 116 ±21 µm, which was 
not significantly different from 4.7% duty cycle. Hence, a 

 
Figure 5:  Deformation of collagen gel after US exposure comparing pre and post US images. a) and b) show the mean 
deformation of the gel as a function of position into the gel for US treatment groups with varying acoustic pressure and duty 
cycle, respectively. Exponential curves were fitted to the experimental data for 3 experiments at the 3 different US exposures, 
and panel a) and c) show the mean of the 3 fitted curves with the SD. c) and d) show the deformation of collagen gel at the 
surface for the variable acoustic pressure and duty cycle, respectively. The data points are the mean of 3 experiments with 
SD. 

 
Figure 6: Representative figure of force-displacement 
curves generated using a spherical tipped indenter with 
2.25 mm radius loaded at 0.4 mm/s.  The contact points 
to the gel for the two indentations curves are indicated. 1 
(solid line) is the loading curve hold for 10 min, and 2 
(dashed line) is the subsequent loading curve.  
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maximum level of 120 ± 16 µm displacement was found for 
the duty cycle parameters investigated. The control gels have a 
close to zero gel displacement from pre to post image 
acquisition (4 ± 2 µm).  

 

D. Deformation of the collagen by indenter  

The US-induced deformation of the gel was compared to a 
mechanical load caused by the macroindenter onto the gel 
surface. A representative force-displacement curve is shown in 
Figure 6. From the force-distance curve of the two subsequent 
indentations, it is clearly seen that the contact position of the 
indenter tip onto the surface of the collagen gel is different, i.e. 
position 1 and 2 in Figure 6.  Mean displacement of 155±44 µm 
was found after the collagen was compressed 10-15% of its 
thickness using an indenter load in the range of 0.01-0.02 mN 
which was held for 10 min before unloading. This displacement 
corresponds to the experimental gel deformation (151 ± 55 µm) 
induced by the highest US pressure applied (Pneg=3.0MHz in 
Figure 5a).  

E.  Simulation: Pressure, ARF and displacement of the 
gel and NPs 
1) Pressure and ARF 

In order to predict the acoustic field generated by the US, 
simulations were performed using the experimental parameters. 
The simulation was first validated with an experiment using the 
lower-source pressure on the transducer (25 kPa) to avoid 
damage to the hydrophone. The measurement was done in a 
water tank filled with degassed and distilled water with a 
calibrated hydrophone. Figure 7 compares the focal waveform 
and radial distribution of the peak positive and negative 
pressures. There is good agreement between simulated and 
experimental results.  

The ARF was simulated, and Figure 8 shows axial peak 
positive and negative pressures and the axial ARF as a function 
of depth for the first 51.6 mm of water and into a collagen gel. 
From the simulation, for the transducer surface pressures of 
105, 146 and 206 kPa, the peak positive pressures on the surface 
of the collagen gel were 10, 12, and 14 MPa, respectively 
(Figure 8a). The corresponding ARFs (ΔF/ΔV) on the collagen 
gels were found to be 0.93 x 106, 4.65 x 106, and 9.84 x 106   

 
Figure 7: Radial peak pressures (a) and waveform (b) at the focus of the transducer (50 mm). Experimental values and 
HIFU simulation. Input pressure on the surface of the transducer is 25 kPa. 

 
 

Figure 8. The axial peak positive and negative pressure as function of depth for various acoustic pressures (a), and ARF as a 
function of depth for various acoustic pressures (b). The acoustic pressures shown are the pressures on the surface of the 
transducer.  
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Nm-3 for a transducer surface pressure of 105, 146 and 206 kPa, 
respectively (Figure 8b). 

 
2) Displacement of NPs 

 In this study, we used  PEBCA NPs with a diameter  in the 
range of 140-195 nm (z-average), and density 1.48g/cm3 [18]. 
The NPs will have a negligible extinction cross section because 
of their small size compared to the US wavelength (150 µm in 
water, at 10 MHz frequency) but can potentially be moved due 
to acoustic streaming.  The acoustic streaming depends on the 
hydraulic conductivity, which also depends on viscosity. Using 
Eq. 8, the maximum displacement of the NPs as a function of 
transducer surface pressure and duty cycle are shown in Table. 
I.  The results show that acoustic streaming under our 
conditions has very little effect on NP displacement. 

 
3) Deformation of collagen gel by US 

Two different pressure loads (ARF induced pressure and 
Langevin pressure) on the gel surface and their corresponding 
deformation were computed. Their corresponding deformations 
were estimated from Eq. 6. It was found that the ARF induced 
14 to 69 times larger forces on the gel than Langevin pressure, 
which resulted in also 14 to 69 times larger deformation (see 
Appendix F, Figure S4). 

The experimental US-induced deformation of the gel surface 
was compared to the numerical simulation of the deformation 
(Figure 9). The computed deformation was less than the 

experimental, except for the lowest pressure applied. This 
discrepancy is likely due to the experimental deformation being 
imaged some time (15-60 min) after US exposure and 
represents the plastic deformation, whereas the predicted 
deformation represents the elastic deformation immediately 
after US exposure.  

To study the dynamic behavior of the gel due to compression, 
gel deformation induced by a mechanical load as well as the 
subsequent gel response when the load was removed, were 
imaged by CLSM (see Appendix G, Figure S5).  The gel slowly 
restored for 10-14 minutes after the force was removed and 
reached plateau. 30-50% of the gel thickness was restored.  

IV. DISCUSSIONS 

The composition and structure of the ECM in tumors can 
limit the movement of NPs within the tumor ECM [47, 48]. A 
collagen gel was developed that capture many of the material 
properties of the ECM. US has a potential to enhance the 
penetration of NPs and drugs through the ECM, but with the US 
parameters and gel parameters applied in the current study, no 
penetration of NPs into the gel was observed. Rather a 
deformation of the collagen gel corresponding to the lateral 
distribution of the US beam was observed. Computer 
simulations were consistent with the experimental data. 

 

A. Characterization of collagen gels 

Collagen gel was used as a tissue-mimicking model as 
collagen gel displays several properties resembling ECM.   
Qualitatively, CRM showed that the collagen fibers in the gels 
were cross-linked in a network similar to tissue.  The measured 

ADC value for the collagen gel (~1.8 x 10-3 mm2 s-1 ) is of the 
same order of magnitude as reported for five different xenograft 
tumors growing subcutaneously in athymic mice (~0.6 x10-3 to 
1 x 10-3 mm2 s-1 ) [46]. The same MRI sequence was used in 
these tumor studies as used for the collagen gel. The ADC value 
of the collagen gel was somewhat higher than in tumors as 
expected from a model not containing cells, 
glycosaminoglycans and other proteins found in ECM in vivo. 
The mean free path of diffusing molecules in the collagen gels 
is therefore expected to be higher than in vivo ECM. This is 
consisted with clinical and animal studies which have shown 
that ADC is abnormal in tumors, and that elevated ADC reflects 

 

 
Figure 9. Comparison between the experimental US-
induced gel deformation (solid line) and computational 
deformation from ARF induced pressure (dashed line). a) 
As function of acoustic pressure and duty cycle of 3.3%, 
and b) duty cycle and acoustic pressure of 105 kPa. 

TABLE I 
MAXIMUM DISPLACEMENT OF NPS ESTIMATED BASED ON DARCY’S LAW WITH 
(K’ = 1.25X10-15 M4N-1S-1 TO 10-13 M4N-1S-1). 
 

 
 

Transducer 
surface pressure 
(kPa) 

105 146 206 105 105 105 

Duty cycle (%) 3.3 3.3 3.3 2.33 4.67 9.33 
Maximum 
displacement of 
NPs (μm) 

0.02 –1.8 0.1 – 9.2 0.2 – 19.5 0.02 – 1.3 0.03 – 2.6 0.06– 5.2 
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an elevated non-cellular fraction [49], and ADC values decrease 
with increasing amount of collagen [50]. 

The Young modulus of the collagen gels was determined by 
macroindentation, and found to be 0.24 kPa, which is 
comparable to that reported by Valero et al (0.19 kPa for the 
same collagen concentration) [43]. The Young modulus for 
tumors containing 1-4% collagen is in the range of 0.66-39 kPa 
[51].  

 

B. PEGylation and diffusion of NPs in gels 

PEGylation of NPs and surface charge are important for 
diffusion in gels [52]  and tissue [53]. The close to neutral zeta 
potential of the NPs confirms a good coverage of PEG on the 
NP surface and will potentially reduce the interaction with the 
collagen network. However, the NPs could be divided into three 
populations:  immobile, slow and fast diffusing indicating a 
subpopulation of “sticky” or adhesive NPs. The multimodal 
diffusion coefficient of NPs is likely to originate from the  
interactions with the heterogeneous distribution of components 
in the collagen matrix; regions of high collagen-fiber 
concentration and aqueous regions or pockets between the 
fibers, as seen in the two-phase nature of transport in the tumor 
matrix [54, 55]. It is likely that the fast component of diffusion 
is related to the NPs diffusing in aqueous pockets between 
collagen fibers, thereby the diffusion coefficient is approaching 
the diffusion coefficient in pure solution [54]. The slow and 
immobile NPs indicate electrostatic or other interactions 
between the NP and the collagen fibers. As we have previously 
reported for NPs of various PEGylation [21, 52], not only the 
PEGylation of the NPs determines the fraction of diffusing 
particles in a collagen matrix, but likely also the collagen 
polymerization which vary between samples. The collagen 
volume fraction and fiber size did qualitatively vary between 
samples and would affect the available aqueous pocket volume 
and hence the fraction of fast diffusing NPs, as seen in other 
studies [53, 56]. Experimental findings have shown that 
diffusion can be significantly hindered by electrostatic 
interactions between the diffusing particle and charged 
components of the ECM, as positive patches on the collagen 
fibers [57, 58]. Adding hyaluronic acid to the model (as found  
in vivo ECM) could with its negative charge shield the charge 
of the collagen to some extent and possibly decrease the 
interactions with NPs [59]. Another limiting factor to diffusing 
particles in our model is that NPs were added to collagen before 
polymerization. Possibly, the NPs can interfere more strongly 
with the collagen fibers before polymerization. This could also 
result in poorly polymerized collagen fibers and a higher 
collagen volume fraction in the gel, consisting of smaller 
collagen constituents rather than larger fibers. 

C. ARF on displacement of NPs 

In an attempt to improve NP penetration in the gel, FUS was 
applied to the gels and depending on the acoustic pressures, the 
ARF was estimated to be in the order (0.93 - 9.84) x 106 Nm-3. 
ARF can act directly on the microsized particles and displace 
them, whereas NPs were hardly displaced [9], or acoustic 

streaming can be generated and  translating NPs in the medium 
[40]. At 10 MHz, the US wavelength in water is approximately 
150 µm whereas the size of NPs is approximately 177 nm. The 
small size of the NPs relative to the wavelength results in a 
negligible extinction cross section, and the dominant 
mechanism is most likely acoustic streaming. Both the 
experimental and computational approach showed insignificant 
(nm to µm range) penetration of NPs, indicating that acoustic 
streaming was not large enough to produce a significant 
transport of the NPs in the collagen gel. Computational 
simulations resulted in a maximum of 20 µm displacement of 
NPs into the gel at the highest pressure applied and assuming 
high gel hydraulic conductivity.  

One explanation for this short displacement is the low 
acoustic attenuation of the collagen gel (approximately 0.64 
dB/cm at 10 MHz), resulting in a relatively small ARF. Thus, 
in future studies, one should use gels that absorb more acoustic 
energy by adding cells, higher concentrations of collagen, 
glycosaminoglycans for instance hyaluronan, or other 
absorbing molecules.  Another limitation in our experiments is 
the low pressures and duty cycle that could be applied to avoid 
damage of the transducer.  The insignificant NP penetration 
could be caused by NPs being trapped in the collagen gel if the 
size of the NPs is larger than pore size or if NPs are adhering to 
the collagen fibers. Thus, a larger ARF that can push the NPs 
or alter the collagen network might be required to overcome 
such hindrance.  

The particle density has shown to have an impact on US-
induced displacement of NPs [40]. NPs of diameter 200 nm and 
density of 1.41 gcm-3 (SiO2) were found to penetrate 
approximately 100 µm into the gel due to potentially ARF and 
acoustic streaming at center frequency of 1 MHz. However, 
cavitation activity was detected although no microbubbles were 
added, and cavitation could have influenced the NP penetration. 
In our study, cavitation activity is unlikely to take place with 
the frequency and US parameters used, and theoretically the 
NPs could penetrate only 20 μm into the gel assuming high 
hydraulic conductivity. At the highest pressure applied, the 
mechanical index, which describes the likelihood of cavitation 
activity, was found to be 0.95. This is below the value where 
cavitation can be expected [7]. 

D. ARF on deformation of the collagen gel 
The US applied caused deformation of the collagen gel, and 

the width of the deformation on the collagen surface 
corresponded to the US beam. The deformation increased with 
applied acoustic pressure and duty cycle, which is consistent 
with previous studies [30, 60]. However, when the duty cycle 
was further increased from 4.7% to 9.3%, the deformation of 
the collagen gel did not become larger, and unfortunately the 
transducer did not allow us to increase the duty cycle further. 
The deformation of the gel decreased exponentially with the 
position into the gel. 

The deformation of the gel caused by ARF was estimated 
both experimentally and computationally and approximately 
two times larger deformation was found computationally for the 
highest pressures used.  A possible explanation is that  the 
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deformation was measured sometime after the US exposure, 
thus we observed the permanent plastic deformation. Imaging 
the restoration of the collagen gel during and after unloading 
the indenter, revealed that the gel reached 30-50% of its 
thickness 10 min after unloading the indenter, demonstrating 
that the gel obtained a permanent deformation. Thus, the plastic 
deformation we observed after US exposure will be less than 
the computed deformation that determined the maximum 
deformation immediately after US exposure. This is consistent 
with plastic behavior of the gel reported when subjecting 
collagen networks to compression [61-63] and tension [64].   

The observed deformation of the collagen gel could be 
caused by a combination of ARF due to absorption and ARF 
due to reflection or Langevin pressure. ARF due to absorption 
appeared to be the dominant mechanism. Depending on the 
acoustic pressure applied, ARF due to absorption was estimated 
to be 14 to 69 times larger than deformation induced by 
Langevin pressure.  

V. CONCLUSION 

The characterization of the collagen gel shows that such gels 
have important characteristics in common with the ECM of 
tissue, and gel models are an important complementary 
approach to studies in mice. However, the overall conclusion is 
that the penetration of NPs due to the applied ARF and possible 
acoustic streaming is negligible in this collagen gel model. It 
also shows that ARF caused by absorption rather than reflection 
is the dominant mechanism for the deformation of the collagen 
gel. Although ARF was not found to improve the penetration of 
NPs into ECM, using gels with higher acoustic attenuation 
which can be achieved by adding cells, more collagen, 
glycosaminoglycans or other absorbing molecules. Also 
applying higher acoustic intensities and duty cycles, might give 
different results, and should be a follow-up study. 

 
 
 

APPENDIX 

A. Surface pressure of US transducer 

One circular single element US transducer was selected 
for the experiment based on initial simulations of ARF. 
The transducer was selected from the Olympus high-
power Immersion series, and has a center frequency of 10 
MHz with diameter of 19 mm and focused at 50 mm.  The 
transmitted field of the US transducer was measured prior 
to the experiment. The transducer was immersed in a 
water tank measurement system (Onda AIMS-III), and 
the pressure was recorded with an HGL-0085 hydrophone 
(Onda Corporation, Sunnyvale, CA, USA) using an AH-
2020 pre-amplifier (Onda Corporation, Sunnyvale, CA, 
USA). The beam profile in the focal plane was recorded 
with a low excitation voltage to avoid damage to the 
hydrophone. The pressure was recorded in a 2D grid in 
the focal plane with a lateral resolution of 0.1 mm.  

Simulation was used to estimate the ARF generated 
with the parameters used in the experiment. One 
important input parameter in the simulations was the 
surface pressure, which was estimated with the following 
procedure. First, the total acoustic transmission power 
was estimated in water and in a 2D measurement plane at 
5 mm in front of the focus. This was conducted using a 
low excitation voltage (11 Vpp) to ensure that the 
combined effects of non-linear distortion and limited 
hydrophone bandwidth did not corrupt the measurements. 
The lateral resolution in the 2D grid was 0.1 mm, and the 
grid sizes were 2×2 mm, which were large enough to 
capture the -20 dB beam width of the transducer. The 
transmitted power was subsequently distributed evenly 
over the surface of the transducer, assuming plane wave 
approximations at the measurement grid and at the 
transducer surface. Furthermore, assuming negligible 

absorption in water, the transducer surface pressure was 
estimated as; 

 
 

𝑝 ,

≈
2Δ𝑥Δ𝑦𝑓

𝐴 𝑁 𝑓
|𝑝(𝑖, 𝑗, 𝑧 , 𝑛)|  (A.1) 

  
where 𝑝(𝑖, 𝑗, 𝑧 , 𝑛) is the pressure measurement at the grid 
point (𝑖, 𝑗) in the 2D measurement plane at 𝑧 , and 𝑛 is 
the temporal sample number. The terms 𝛥𝑥 and 𝛥𝑦 are 
the lateral resolutions in the 2D measurement grid, 𝑓  is 
the temporal sampling frequency, fc is the center 
frequency of the transmitted pulse, NP is the number of 
cycles in the transmitted pulse, and AS is the aperture of 
the transducer. This formula was used to calculate the 
reference surface pressure at a low excitation voltage.  

The estimation of the surface pressure at a higher 
excitation voltage using the described technique is 
challenging due to the increased amount of harmonic 
distortion, which causes the power spectral density of the 
pulse to be non-zero outside the calibration range of the 
hydrophone. Close to the transducer, there is negligible 
harmonic distortion, regardless of the excitation voltage, 
since harmonic distortion is an accumulative effect. 
However, the pressure amplitude at a given point in the 
near-field varies linearly with the surface pressure. 
Therefore, the near-field pressure was measured using a) 
the excitation voltage that was used to calculate the 
surface pressure in Eq. (A.1) and b) the excitation 
voltages used in the mouse experiments. The surface 
pressure at higher excitation voltage was then estimated 
by the following: 
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                          p (V ) =  p ,
( )

,
       (A.2)                                                        

where 𝑝 (𝑉 ) is the near filed pressure at different 
excitation voltages,  𝑝 ,  is the reference surface 
pressure estimated using Eq. (A.1), and 𝑝 ,  is the near-
field pressure measured at the same excitation voltage 
as 𝑝 , . 
 

B. Acoustic Radiation Force (ARF) 

The ARF on a small volume, Δ𝑉, is given by the transfer 
of momentum from a passing wave to the volume. Let 𝒖 
= 𝒖(𝒓, 𝒕) be the vibration velocity vector field at the 
position 𝒓, and 𝜌 be the density of the volume Δ𝑉. The 
radiation force on the volume is given by 

 
𝐹 (𝑟) = − 𝜌

1

𝑇
𝒖∇. 𝒖

+ (𝒖. ∇)𝒖 d𝑡 d𝑉  

(B.1) 

where the time 𝑇 is the duration of the passing wave. 
Assuming that over the small volume the passing wave 
can be approximated as a plane wave, the vibration 
velocity vector field is approximated by 𝒖 ≈ 𝑢𝒆  where 
𝒆  is the unit normal along the z-axis. The integrand of 
Eq. (B.1) simplifies to 

 𝒖∇. 𝒖 + (𝒖. ∇)𝒖 = 2𝑢 
d𝑢

d𝑧
𝒆  (B.2) 

For a plane, progressive wave, the pressure is related to 
the vibration velocity by the characteristic impedance, 
𝑍 = 𝜌𝑐, where 𝑐 is the propagation velocity in the 

medium. It is also known that the attenuation of a plane 
progressive wave is 

 

𝑑𝐼(𝒓, 𝜔)

𝑑𝑧
= −𝜎 (𝒓, 𝑤)𝐼(𝑟, 𝑤) →

𝑑𝑃(𝒓, 𝜔)

𝑑𝑧

= −
1

2
𝛼(𝒓, 𝜔)𝑃(𝒓, 𝜔) 

(B.3) 

where 𝐼(𝒓, 𝑤) is the temporal Fourier transform of the 
instantaneous intensity, 𝑃(𝒓, 𝜔) is the temporal Fourier 
transform of the pressure, and 𝛼(𝒓, 𝜔) is the attenuation, 
and is the sum of absorption and scattering. Substituting 
𝑝(𝒓, 𝑡) = 𝜌𝑐 𝑢(𝒓, 𝑡) into Eq. (B.2), and inserting into Eq. 
(B.1), the expression for the ARF becomes 

 

𝐹 (𝑟)

= −𝜌
2𝑒

𝑇(𝜌𝑐)
𝑝(𝒓, 𝑡) 

𝑑𝑝(𝒓, 𝑡)

d𝑧
 d𝑡 d𝑉 

(B.4) 

Using Plancherel’s theorem, the ARF is 

 

𝐹 (𝑟)

= −
2𝑒

2𝜋𝑇𝜌𝑐
𝑃(𝑟, 𝜔) 

𝑑𝑃(𝑟, 𝜔)

d𝑧
 d𝜔 d𝑉

(B.5

) 

Finally, inserting Eq. (B.3), and letting the ARF be 

uniform over the volume Δ𝑉, the ARF per unit volume 

can be expressed as 

 
𝐹 (𝒓)

∆𝑉
=

𝒆

2𝜋𝑇𝜌𝑐
𝛼(𝒓, 𝜔)|𝑃(𝒓, 𝜔)|  d𝜔 (B.6) 

 
Figure S1: Example of data analysis (2.2MPa (at the focus) US treatment): The intensity profile of NP fluorescence plotted 
as a function of penetration depth into the gel pre and post US (black and gray curves respectively in a). The fluorescence 
intensity profile is characterized by two regions: the NP-collagen layer (first 500 µm) with a high fluorescence level and the 
collagen-only layer (next 400 µm) with a close to zero fluorescence level. In this analysis example, five points along the 
curves were used to calculate the NP displacement, two half maximum intensity points and three additional points (indicated 
by black and grey circles along the curve). From the difference in opposition in the gel of these five points between pre to 
post US intensity curves, the NP displacement was calculated and plotted as a function of penetration into the gel as shown in 
b) along with the best fitted trending curve, an exponential decay function. FS= fluorescence. 
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C. Quantification of gel deformation and NPs 
penetration 

The mean intensity profiles obtained before and after US 
exposure were treated separately as they were normalized to 
their maximum value and the auto fluorescence was set to zero. 
The resulting intensity profiles were plotted as mean 
normalized intensity as a function of depth into the collagen gel, 
Figure S1. The fluorescence intensity is close to zero in the PBS 
solution above the gel surface, increases when entering the NP-
collagen layer and drops towards zero in the interface between 
the NP-collagen/collagen gel (around 500 µm into the gel). The 
steep intensity increases at the end of the intensity profile 
(around 900 µm into the gel) was originating from the cover 
slip and was used to align the two curves. 
 

D. Estimation for Young’s modulus of collagen gels 

The Young modulus was determined from indentation data, 
and the Hertz contact model was fitted to the experimental data. 
The first 100-120 µm of the indentation depth to the gel 
thickness was selected to estimate Young’s modulus of the 
collagen. A representative experimental indentation curve and 
the corresponding fitting are shown in Figure S2. 
 

Figure S2.  Representative load-distance curve. Hertz 
contact model was used for fitting and estimating Young 
modulus of the collagen 
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E. Two-layered collagen tissue-mimicking model 

Two-layer collagen tissue mimicking ECM model where 
NPs were only in the first layer was designed. Examples images 
are shown in Figure S3.  Figure S3a-c, shows orthogonal views 
of a XZ cross section of the gel for the reflection channel 
(Figure S3a), the fluorescence channel (Figure S3b) and an 
overlay image (Figure S3c). The corresponding intensity 
profiles for the three 3D image stacks are shown in Figure S3d 
–f.  The intensity profile of the reflection channel (Figure S3d) 
is mainly from collagen, and shows a close to constant intensity, 
which implies a continuous fiber network in the gel with 
crosslinking of the fibers throughout the gel. No peaks that 

would originate from a boundary or discontinuous collagen 
crosslinking are observed. The intensity profile of the 
fluorescence channel (Figure S3e) is mainly from NPs and 
shows a step increase in the fluorescence intensity 
corresponding to the gel surface and a step reduction in the 
fluorescence representing the boundary between the NP-
collagen and collagen only layers. In Figure S3g-i, a 3D 
reconstruction visualizes the collagen fibers, NP cluster 
distribution and an overlay image respectively, from a volume 
of 38x38x80 µm (w x l x h) at the boundary between the two 
layers. 
 

 
Figure S3: Gel images. First row shows an orthogonal view of a XZ cross section of the imaged region of the gel; from the 
PBS solution above the gel surface to the well plate, image dimensions: 1030x1367 (h x w). a) Reflection channel, b) 
Fluorescence channel, c) overlay image both channels. The second row, d) ,e) and f), shows the intensity profile as a function 
of penetration into the gel corresponding to the images in a), b) and c), respectively. The third row shows a 3D reconstruction 
of a Z-stack of a 38x38x80 µm (w x l x h) selected area at the boundary between the two layers in the model; g) collagen fibers 
(white), h) NPs (green) i) overlay between collagen fibers (white) and NPs (green).CRM= confocal reflection microscopy, FS= 
fluorescence. 



15 
 

 

F. Comparing simulated gel deformation by ARF and 
Langevin pressure 

The observed gel deformation can be caused by the 
propagating US wave being absorbed in the gel, which we call 
ARF or reflected between two media called Langevin radiation 
force. These two forces and their corresponding deformation of 
the gel is shown in figure S4. ARF is clearly much larger than 
the Langevin radiation pressure and causes much larger 
deformation.  

 

G. Estimation of collagen gel restoration 

One layer collagen gel (2.5 mg/ml) was placed in a container 
with diameter of 18 mm and height of 2 mm, and 40 µl of PBS 
was added on top of the gel to avoid drying. The macroindenter 
(a spherical tip diameter of 0.6 mm) compressed the collagen 
gel reducing its thickness 20-25% (indentation 200-450 um), 
and the indenter compressed the gel for 2 min before being 
unloaded. CRM z stack images of the collagen gel were 
recorded while unloading the indenter and continued recording 
for approximately 15 minutes. From the recorded images, the 
percentage of the restored distance of the collagen gel was 
estimated. Two different collagen samples were used for the 
study.   

The results are shown in Figure S5, and show that only 30-
50% of the gel thickness was restored within 15 minutes after 
removing the indenter.   
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Figure S5. Collagen gel restoration. The three plots show 
number of experiments. Zero time corresponds to the 
uploading of the indenter. The gel was compressed for 2 
minutes and recorded the CRM image of the collagen gel 
while uploading the load. The restored displacement of the 
gel as function of time was measured.  

 
FigureS4: Forces due to ARF on the gel estimated from the simulation (a) and their corresponding deformations estimated 
for various acoustic pressures (b), and different duty cycles (c).  Forces due to Langevin pressure on the gel estimated from 
the simulation (d) and their corresponding deformations estimated for various acoustic pressures (e), and different duty 
cycles (f).  
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