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ABSTRACT 

 

X-ray phase contrast imaging (XPC) generates contrast from refraction and scattering of X-rays, 

unlike absorption in conventional radiology. This technique greatly improves the sharpness of 

boundaries and reveals micro-structured tissues that are not easily detected by conventional 

absorption-based X-rays. XPC can be performed at high energy, so the absorbed radiation is 

reduced. Ultrasound microbubbles (MBs) with biocompatible composition and gas content can 

maximize the X-ray refraction and scattering. Multiple studies have investigated MBs and XPC, 

but they share a common feature: no uniform parameters in MBs, leading to the inconsistent 

findings on the efficacy of MBs. Our primary goal was to develop a contrast agent for XPC by 

assessing which MB characteristics affect contrast the most. Gas-filled MBs were constructed with 

two shell materials: phospholipid and polyvinyl-alcohol (PVA). Polydisperse lipid-MBs were size 

separated using centrifugation. Two populations of PVA-MBs were generated by different 

homogenizers: 2-3 µm and 3-4 µm. A subset of PVA-MBs 3-4 µm were either coated or integrated 

with superparamagnetic iron oxide nanoparticles (SPIONs). MBs were then immobilized in agar 

at three concentrations: 5×107 (high), 5×106 (moderate), and 5×105 MBs/ml (low). MBs were 

imaged by synchrotron at the Canadian Light Source with In-line phase contrast imaging (PCI) and 

Multiple-image Radiography (MIR). The refraction contrast in PCI was measured by detecting 

phase object numbers and comparing the mean pixel values (MPV: 0/255) of MBs to agar in 

minimum intensity projections (MIN) and maximum intensity projections (MAX). Lipid-MBs 6-

10 µm, lipid-MBs 4-6 µm and 4-layer SPION-coated PVA-MBs were significantly different (p < 

0.05) at three concentrations. In MAX, the contrast was observed with lipid-MBs 6-10 μm and 

lipid MBs 4-6 μm, whereas only lipid-MBs 6-10 μm showed a significant increase in MPV at the 

moderate concentration. In MIN, a significant decrease in MPV was observed from lipid MBs 6-

10 μm and lipid-MBs 4-6 μm at the high concentration. With MIR, the contrast intensity was 

measured by comparing the MPV of MBs to agar in the absorption, refraction and ultra-small-

angle X-ray scattering (USAXS) images. We only observed a significant increase in MPV in lipid-

MBs 6-10 µm (p = 0.02) in the USAXS at the high concentration. These data suggest that lipid-

MBs greater than 4 μm are a promising contrast agent for PCI, where 5×106 MB/ml is possibly the 
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lowest detectable concentration in tissues. With MIR, lipid-MBs 6-10 μm are a potential contrast 

medium for USAXS, and the minimum concentration in tissues may be 5×107 MB/ml.  

Magnetic resonance imaging (MRI) is a non-ionizing radiation imaging approach that is excellent 

at visualizing soft tissues. This modality often makes use of gadolinium-based contrast agents to 

visualize vasculature and blood flow. However, there is controversy about gadolinium’s toxicity, 

so we aimed to develop a vascular-restricted contrast agent for MRI based on MBs and SPIONs, a 

known T2 contrast agent. There are two methods to bind SPIONs to polymer-shell MBs: SPION-

coated and SPION-integrated MBs. My goal was to compare these methods and determine which 

approach results in optimal MB detection in T2-weighted MRI. Multiple concentrations of MBs 

were immobilized with agar in 1.5 ml tubes and then imaged in 3 Tesla Siemens MRI scanner. The 

signal intensity was identified in 70 mm2 circular ROI and measured MPV in 8-bit grayscale (0-

255). We imaged SPION-coated MBs and SPION-integrated MBs at two different concentrations 

and found that all tested MBs generated T2 contrast. For both types of SPION-coated MBs, the 

differences among the concentrations ranging from 25 µl - 200 µl were not detectable. No change 

in the signal was seen from the SPION-integrated MBs compared to the agar and plain PVA-MBs 

except for the highest concentration. Both MBs coated with one and three layers of SPIONs 

generated a high T2 contrast.  Based on these data, I performed a dosage study to determine the 

lowest detectable concentration of single layer SPION-coated MBs, which was determined to be 5 

× 105 MBs/ml. 
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CHAPTER 1 

Introduction 

 

1.1 Breast cancer in Canada 

According to the Canadian Cancer Society, in 2019 breast cancer was the second most commonly 

diagnosed cancer with nearly 27,200 cases out of 220,400 diagnosed patients [3]. Breast cancer 

accounts for a quarter of new cancers in females with one in eight women possibly developing 

breast cancer in their life [3]. It is also the second leading cause of cancer-related deaths in women,  

with 3 out of 100 females expected to die from breast cancer [3]. Nearly half of breast cancer deaths 

have been shown to occur between the ages of 50 and 74 years old, and 9% happen in women 

younger than 50 years old [3]. However, women with breast cancer have a relatively high five-year 

net survival rate (88%) – the percentage of alive patients five years after they were diagnosed and 

treated [3]. In fact, the mortality rates of breast cancer in females dropped by approximately 48% 

since their peak in 1986 [3]. During the period 1994-2015, the decreasing trend of breast cancer 

mortality can be attributed to both mammography screening and therapeutic improvements [3]. 

Therefore, early diagnosis plays an important role in lessening the consequences of breast cancer. 

1.1.1 Breast density 

One of the largest barriers to breast cancer screening is breast density. Breast density refers to the 

amount of fibrous and glandular tissues in breasts, which give increased opaqueness on 

mammograms [4]. Breast density is categorized into four classes based on area percentages: 1) 

almost entirely fat (0% - 25%), 2) scattered fibro-glandular tissue (25% - 50%, 3) heterogeneously 

dense (50% - 75%), and 4) extremely dense (75% - 100%), as defined by the Breast Imaging 

Reporting and Data System (BI-RADS) of the American College of Radiology (Figure 1.1) [5]. 

Checka et al. (2012) investigated the relationship of breast density and age in over 7,000 
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mammograms and found that class 3, heterogeneously dense, was predominant in some age groups: 

younger than 40 (51%), 40-49 years old (57%), and 50-59 years old (49%). Breast density also 

appears to decrease over time. In women over 60 years old, the highest percentage was category 2 

(43%-51%), scattered fibro-glandular tissue, whereas that of class 3 dropped to 34% - 41% [6].  

Breast density is also an independent risk factor for cancer development [7-9]. Women with 

extremely dense breasts show 1.8 to 6 times higher cancer rates than women with fatty breasts [8, 

9]. McCormack and Silva (2016) investigated breast density as a cancer risk using meta-analysis 

review of 42 papers and concluded that breast density is in fact the strongest risk factor for breast 

cancer development [7]. There is a strong association between the combined relative risk of 

incident breast cancer in the general population and breast density. The relative risk in the density 

category 5%-24% was 1.79 fold (1.48-2.16) higher than the reference category (least dense, < 5%), 

gradually increasing to 2.11 (1.7-2.63) in the density category 25% - 49%, 2.92 (2.49-3.42) for the 

density category 50% - 74%, and 4.64 (3.64-5.91) for the most density category, > 75% [7]. The 

mechanism of breast density influencing breast cancer remains unclear. However, breast density 

shows a high proportion of epithelial tissue where breast cancer originates from, therefore; the 

larger areas of fibro-glandular tissue may have higher chance transformation [7]. 

 

Figure 1.1: Mammographic density based on BI-RADS 3rd edition. Original source: Ng, K.-H. and S. Lau, Vision 20/20: 

Mammographic breast density and its clinical applications. Medical Physics, 2015. 42(12): p. 7059-7077. Images that 

have Creative Common copyright license (https://aapm.onlinelibrary.wiley.com/doi/full/10.1118/1.4935141) 
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Despite evidence for reducing the death rate of breast cancer [10, 11], several studies have reported 

that effectiveness of mammography is decreased in women with dense breasts [12-14]. Dense 

breast parenchyma can result in false-negative findings in screening mammography by obscuring 

lesions. In patients with extremely dense breasts (Category 4), mammograms were 8-9 times more 

often false-negative [13] since the radiopaque cancer lesions can be concealed by the dense 

background. Decrease in mammography sensitivity in women with breast density has been shown 

with varying percentages when comparing the least dense group to the densest group. For example, 

mammographic sensitivity was 87% in women with fatty breast tissue (Category 1), reducing to 

62.9% in women with extremely dense breasts (Category 4) [12].  

1.1.2 Mammography screening 

There are two kinds of mammograms: conventional and digital. Both use X-ray radiation to 

produce an image of the breast, but conventional mammograms are read and stored on film, 

where digital mammograms are read and stored in a computer so the data can be enhanced, 

magnified, or manipulated for further evaluation [15]. 

1.1.2.1 Film-Screen Mammography 

X-ray mammography is commonly used to identify breast cancer in women over 40 years old [16]. 

Standard film-screen mammography includes two views per breast: cranio-caudal and medio-

lateral oblique views [16] and requires breast compression to reduce motion, dose exposure and 

tissue superimposition [17]. Mammographic examination has been performed clinically with two 

measures: screening and diagnostic [16]. Screening programs with mammography have showed an 

increase in early breast cancer detection and a decrease in mortality rate [11, 16]. Diagnostic 

mammography is indicated for women with symptoms in physical examination or suspicious 

lesions in screening mammography [16]. Therefore, diagnostic mammography requires more time 

and elaboration to provide detailed information about tumor size, location and morphology [16]. 

Currently, film-screen mammography is no longer used in breast cancer screening programs in 

Western countries [15, 18]. 
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1.1.2.2 Digital Mammography 

Digital mammography has been in use since 2003, with more than 80% of mammography facilities 

in the North America using it as their primary modality [19]. Though digital mammography has a 

similar spatial resolution as film-screen mammography, it has a greater contrast resolution than 

film-screen [19]. Skin and fat that are unapparent on film-screen mammograms become more 

visible in digital mammograms due to electronic processing [19], so digital mammography can 

discriminate normal dense breast tissues from isodense invasive lesions [20]. The detection rate of 

digital mammography is higher than film-screen mammography, especially in young women and 

those with dense breasts [21, 22]. In young women 40-49 years old with extremely dense breasts, 

the sensitivity of digital mammography and film-screen mammography is 86.8% and 62.3%, 

respectively [23].  

1.1.2.3 Digital Breast Tomosynthesis  

Digital breast tomosynthesis is an approach that generates three-dimensional images of the 

compressed breast by taking a series of low-dose projections within an angular range using setups 

derived from full-field digital mammography [24, 25]. The total radiation dose is comparable to 

that in conventional mammography, and it can reduce the masking effect [26]. In comparison to 

two-dimension  (2D) digital mammography, breast tomosynthesis significantly increases the 

cancer detection and decreases the recall rates at the first examination [23]. Breast tomosynthesis 

can display the multiple layers of tissues separately with a decrease of anatomical overlapping [27], 

so the combination of mammography and tomosynthesis has higher rates of cancer detection and 

lower false-positive results [26]. However, the use of mammography plus digital breast 

tomosynthesis can be more time-consuming and include a higher radiation dose than with 

mammography alone [26]. Fortunately, by processing the data, digital breast tomosynthesis can 

generate a non-radiation synthetic 2D mammography that is similar to a conventional 

mammography [27].  

1.1.2.4 Dedicated Breast Computed Tomography  

Dedicated breast computed tomography (CT) for cancer visualization and characterization is an 

emerging technique in breast imaging [28]. In dedicated breast CT, hundreds of projections are 
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captured in a circular path around the breast with a flat panel detector and then reconstructed to 

present the 3D images of the breast [29]. Breast computed tomography using cone-beam detector 

systems outperforms film-screen mammography in detecting mass but falls behind in identifying 

microcalcification [30]. Nonetheless, photon-counting breast CT with a high spatial resolution can 

reveal microcalcifications and lesions that are invisible in digital mammography and digital breast 

tomosynthesis [28]. With the addition of iodine-based contrast agents, breast CT has a potential to 

discriminate lesion benign from malignancy, to assess disease extent and to observe chemotherapy 

response [29] Breast CT is suitable for procedures that require 3D planning or guidance such as 

biopsy, ablation and focused ultrasound [30]. However, limitations of breast CT are higher mean 

glandular dose, more time-consuming and higher cost [25]. 

1.1.3 Other breast imaging modalities 

1.1.4.1 Breast ultrasound 

Ultrasound is a useful diagnostic method to identify undetectable lesions in mammography and 

physical examinations, including women with dense breasts [31, 32]. In the general population, 

mammography combined with ultrasound significantly increases the sensitivity at the early stages, 

with 78% of breast cancer detected by ultrasound alone were clinical stage 0-I  [31]. In elevated 

risk groups, including women with dense breasts, the addition of ultrasound to mammography has 

increased the detection rate of breast cancer to 77.5%, instead of 50% for mammography alone 

[32]. Although breast ultrasound can improve the detection rate beyond that of mammography, 

ultrasound is time-consuming, about 20 minutes for bilateral breast, which can be challenging for 

breast cancer screening [9]. To reduce the operator dependency and the physician workload with 

hand-held screening ultrasound, automated breast ultrasound machines would be a solution [33]. 

Automated breast ultrasound is a volumetric approach to reconstruct multi-planar acquisitions of 

the breast  [33], allowing the reproduction of the data and the decrease of user’s errors [34]. 

However, the false-positive result rate, the recall rate, and the biopsy rate of ultrasound in general 

still remain high [31, 32]. 



6 

 

1.1.4.2 Breast magnetic resonance imaging 

Contrast-enhanced magnetic resonance imaging (MRI) has been recommended by the American 

Cancer Society as an additional screening tool for women at high-risk for breast cancer such as 

family history and BRCA mutation carriers [35]. MRI has proven to be more efficient than 

mammography for breast cancer screening in this population [36]. The sensitivity of 

mammography, of MRI, and of both were 40%, 77%, and 93%, respectively [37]. In women with 

high-risk factors and dense breasts, MRI also improves the sensitivity and detects more early cancer 

lesions than mammography or mammography combined with ultrasound [38]. The addition of 

ultrasound to mammography detects more supplemental cancer, 4.3 per 1000 women, while the 

combination of MRI screening can yield an extra 14.7 per 1000 women, compared with 

mammography plus ultrasound [38]. However, the specificity of MRI is lower than mammography, 

with 81% versus 93% [37], and its recall rate is also 4-times higher than mammography in which 

70% of recalls are not related to cancer [39], leading to unnecessary follow-up and biopsy. Other 

concerns about breast MRI could be sparse availability, highly-trained operators, costly facilities, 

and contrast media intolerance [38, 39]. 

1.1.4.3 Molecular breast imaging 

Molecular imaging is an approach that is capable of visualizing and measuring the biological 

function and cellular process in vivo [40]. Therefore, it is more beneficial in screening (early 

diagnosis) with enhanced specificity to suggest personalized treatment plans for patients [40]. 

Molecular imaging has its origin in nuclear imaging using intravenous radiolabeled tracers [41]. 

Single-photon-emission computed tomography and positron-emission tomography are the most 

common current clinical molecular imaging modalities [40]. Other ongoing preclinical imaging 

probes have been developed for optical imaging, ultrasound imaging with targeted microbubbles, 

and magnetic resonance imaging with magnetic molecules [41]. 

Scintimammography (SMM), single-photon-emission computed tomography (SPECT) and 

positron-emission tomography (PET) are molecular imaging approaches that evaluate precisely the 

extent of the cancers and functional activities of the breast tumors [42]. Scintimammography, also 

called breast specific gamma imaging, is a technique for assessing patients with a palpable breast 

abnormality or with an indeterminate mammography using a radiotracer (99mTc) and a gamma 
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camera [42]. The sensitivity of SMM ranges between 66.8% - 85.2% and the specificity is around 

86% [42]. Scintimammography can be a complementary method to detect cancer in young women 

with dense breasts [42]; however, radiation dose and need for radioactivity-handling facilities are 

its main limitations [29]. On the other hand, SPECT is an imaging approach that creates volumetric 

images reconstructed from multiple planar acquisitions over a 180o or 360o arc around the patient 

using 99mTc-based radionuclides [42]. SPECT with breast dedicated semiconductor-based gamma 

cameras showed a high sensitivity and sensitivity for tumors smaller than 10 mm in women with 

suspicious lesions [43]. Meanwhile, whole-body PET is a method that utilizes the excessive 

glucose uptake of malignant cells, so it can detect the annihilation photons generated by the 

breakdown of positron-emitting radioisotopes 18F-fluorodeocyglucose (18F-FDG), a derivative of 

glucose [42]. The limitations of PET are high cost and low sensitivity to small tumours [42]. 

Positron-emission mammography (PEM) is a dedicated breast imaging modality with higher spatial 

resolution but lower cost than PET [42], useful for identifying small primary breast cancer in dense 

breasts [43]. The sensitivity of SPECT and PET are relatively comparable [42]. Research has 

shown that SPECT and PET can have similar sensitivity to that of MRI but better specificity in 

investigating supplemental malignancy [43]. Both imaging modalities are beneficial for detecting 

undetermined tumors and axillary metastases; however, these methods are less sensitive to identify 

subcentimetric tumor deposits [42]. High-resolution information about anatomy and physiology 

can be achieved with a dedicated breast SPECT or PET that has been incorporated with a dedicated 

breast CT [22]. 

Overall, imaging approaches have increased the efficacy of breast cancer detection, especially in 

women having dense breasts. With the evolution of radiographic screening methods from 2D 

mammography to 3D imaging approaches such as breast tomosynthesis and dedicated breast CT, 

the sensitivity has been improved, but the trade-off is an increased absorbed radiation dose [25, 

26]. On the one hand, molecular breast imaging approaches have high sensitivity and specificity; 

however, because of costly facilities and low spatial resolution, these modalities are more suitable 

for staging, follow-up after treatment, detecting bone metastasis and mapping lymphatic drainage 

[44-46]. On the other hand, although US and MRI are non-radiation techniques and commonly 

used as adjuncts to mammography in screening, they still have some hindrances to become a sole 

screening tool. US is available and affordable. Nevertheless, its main drawbacks are high false 



8 

 

positive results and operator dependency [32]. MRI has high sensitivity, particularly in elevated-

risk women, but some concerned limitations are low specificity, high recall rates, high cost, and 

gadolinium intolerance [38]. Therefore, what we need are screening methods that are more 

sensitive, more specific, and less expensive with no or low ionized radiation to early detect breast 

cancer in women with dense breasts.  

1.2 X-rays 

1.2.1 X-ray sources 

Since X-rays were discovered by Wilhelm Conrad Röntgen in 1895, they have been applied widely 

for characterizing materials [47]. X-rays are electromagnetic radiation that have a short wavelength 

ranging from 0.01 nm to 10 nm [47]. This phenomenon became useful in medical application as a 

non-invasive method to image the skeleton after Röntgen imaged his wife’s hand and received the 

Nobel Prize in Physics in 1901 [48]. 

Conventional X-rays are generated from sealed vacuum tubes or rotating-anode tubes in which 

electrons were created from a filament called a cathode [48]. These electrons are accelerated in an 

electric field with a potential of tens of kilovolts before hitting the metallic target known as an 

anode [48]. The interaction of electrons and anode generated 99% heat and only 1% of radiation 

that is X-ray [48]. When incident electrons are halted by the nucleus of the atoms in the anode 

materials, a bremsstrahlung effect occurs [48]. Bremsstrahlung is the principal source of X-ray 

photons from an X-ray tubes when high-speed electrons are suddenly stopped or slowed down at 

the target [49]. Bremsstrahlung emission depends on the kinetic energy of the electrons distinctive 

emission lines presented as a continuous spectrum [48]. 

In current medical imaging, conventional X-rays including mammography use ionizing radiation 

to generate the images of the body [49]. The basic principle is that X-ray beam is passing through 

the body where a portion of the X-rays are either absorbed or scattered by the internal structures 

[49]. The remaining X-ray pattern is transmitted to a detector (e.g., film or a computer screen) for 

recording or further processing by a computer [49]. In conventional radiography, the intensity of 

incident X-rays is attenuated by the thickness and the absorption of the objects in the path of the 

beam [48]. The transmitted X-rays are recorded on the detectors to create images in which weakly-
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absorbing tissues become more transparent and strongly-absorbing tissues appear more opaque 

[48]. Since the image contrast in conventional medical imaging radiography depends on the X-ray 

absorption of objects with variations in density and atomic numbers [50], X-rays can show great 

contrast in imaging hard tissues such as bones [48]. Conversely, the differences in X-ray absorption 

of soft tissues such as breasts are so small, causing low absorption contrast [50]. 

X-rays can also be produced by synchrotron facilities [48]. Synchrotron radiation is generated when 

charged particles that move at relativistic speed are manipulated to shift their path by a magnetic 

field [49]. The electrons are made inside an electron gun with high voltage and are accelerated in 

a linear accelerator to reach nearly the speed of light [48]. By being inserted into a booster ring, 

the energy of the electrons are further increased and then are maintained in the circular orbit in the 

storage rings by dipole magnets [48]. Synchrotron light is extremely brilliant and has a full 

spectrum from infrared to hard X-rays [48]. Multiple synchrotron beamlines with selected 

wavelengths are controlled and directed onto the samples in experimental hutches [48]. Besides 

dipole magnets shifting the direction of electrons, insertion devices such as wigglers and undulators 

composed of a periodic chain of magnets are used to create and widen the intense x-ray beams [48]. 

Synchrotron radiation has several advantages apart from generating infrared, ultraviolet, and X-ray 

radiation [51]. First, the brightness of high flux synchrotron radiation is a million times higher than 

sunlight, enabling exploitation of comprehensive information about samples [51]. Second 

synchrotron light has a wide spectral range, it is capable of selecting the specific wavelengths suited 

for various techniques [51]. Furthermore, with the extreme brightness, the time length to conduct 

experiments is decreased [51]. 

1.2.2 Interaction of X-rays and matters  

Possessing a short wavelength, X-rays are able to penetrate materials and provide information their 

structure [48]. The interaction of X-rays with matter is affected by not only the energy of the X-

ray photons, but also the atomic number and structure of matter [48].  X-rays interact with bound 

electrons of the atomic shell at low energies (10 keV - 150 keV) whereas interaction with the atomic 

nucleus occurs at higher energies (> 150 keV) [48]. When a photon strikes an electron inside matter, 
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its energy is decreased and transferred to the atom, leading to the emission of a photon and/or an 

electron [48]. 

1.2.2.1 Attenuation  

When passing through an object, X-rays are attenuated due to photoelectric absorption [49]. 

Photoelectric interaction occurs when the kinetic energy of a primary X-ray photon is higher than 

the binding energy of an inner-shell electron [47]. This electron absorbs the photon energy and 

leaves the atom in an excited state [47]. The vacancy of the emitted electron is filled by an electron 

from an outer shell with a higher orbital energy. The difference in the orbital energy is released via 

a secondary photon (fluorescence) or low energy electrons (Auger effect). Fluorescent radiation is 

specific for each element and photoelectric absorption is proportional to 1/E3, where E is the photon 

energy [48]. The relation of the intensity of X-ray beam before interaction (I) and the intensity after 

traversing an object (I0) with thickness (d), density (ρ), and the mass attenuation coefficient (µ) is 

presented with following equation: I = I0
e-µρd [47]. The attenuation coefficient also depends on 

density and atomic number of the object [52]. Biological soft tissues are made of elements with 

low atomic number such as hydrogen, carbon and oxygen, so there are minimal differences in their 

attenuation coefficients [52]. Therefore, to increase the distinction of soft tissues, low X-ray 

energies are used although the trade-off is the high absorption radiation [52]. 

1.2.2.2 Refraction  

Refraction of X-rays results in deviation of rays and arises from the micrometric density variations 

mapped by the detector [53]. This effect happens when the phase of X-rays is shifted or their speed 

is changed when travelling through objects with different refractive index [54]. Refractive index is 

a dimensionless unit that is varied at different locations inside an object and determines the speed 

of the electromagnetic wave going through it [50]. The complex refractive index can be shown 

with this equation: n (r, E) = 1  δ (r, E) + iβ (r, E), where r indicates a location inside the object, 

E is the X-ray energy, δ is the spatial part of the x-ray phase shift, i is the imaginary unit, and β 

determines the X-ray attenuation [50]. At the energy used in mammography, the phase shift term 

can be up to three orders of magnitude higher than the absorption term [50]. The phase shift 

coefficient is proportionate to 1/E where E is the photon energy, whereas the absorption coefficient 
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decreases with 1/E3 [53]. In soft tissues, the phase shift coefficient is two to three orders of 

magnitude greater than the absorption coefficient at the energy used in medical imaging [53]. As a 

result, the small differences in soft tissue density can generate higher refraction contrast than 

absorption contrast [53].  

1.2.2.3 Scattering  

X-rays interact with electrons in the objects they traverse resulting in electronic excitation that 

forms multiple types of X-ray scattering [53]. This scattering contains useful information for 

medical imaging such as electronic states and object micro-structures, and this information is 

converted into intensity modulation and recorded by the detector [53]. X-rays change their direction 

when they interact with matter [47]. They can interact with the electronic charge distribution and 

be elastically scattered or the photon energy is conserved [49]. This effect is known as Thomson 

scattering, elastic scattering, or coherent scattering, and has little impact on X-ray images as the 

effect is weak in unstructured materials such a tissues [49]. The incident X-rays can also interact 

with the electronic charge distribution and exchange energy with individual electrons which is 

called inelastic or Compton scattering [47]. Compton effects happen most commonly with 

electrons in the outer shells that have low binding energies [49]. The kinetic energy of an X-ray 

photon is partly transferred to an electron and a secondary photon is produced with decreased 

energy and different direction [49]. In conventional radiographs, both Compton and Thomson 

scatterings create noise that reduce the image contrast; nevertheless, they contain comprehensive 

information on the object structure at atomic and molecular length scale [48]. 

In conventional radiography, the intensity of incident X-rays is attenuated by the thickness and the 

absorption of the target objects [48]. The transmitted X-rays are recorded on the detectors to create 

images in which weakly-absorbing tissues become more transparent and strongly-absorbing tissues 

appear more opaque [48]. Since the image contrast in conventional medical imaging radiography 

depends on the X-ray absorption of objects with variations in density and atomic numbers [50], X-

rays can show great contrast in imaging hard tissues such as bones [48]. Nonetheless, the 

differences in X-ray absorption of soft tissues such as breasts are so small, causing low absorption 

contrast [50]. Therefore, radiographic approaches have used the low energy X-rays that increase 

the absorbed radiation dose [50].  
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1.2.3 X-ray phase contrast imaging techniques  

X-ray phase contrast imaging is an imaging method based on the phase shift of the transmitted 

beam travelling through objects composed of different refractive indices [54]. This imaging method 

utilizes phase changes of X-rays when interacting with the electronic distribution that then redirect 

the X-ray trajectory which then can detected apart from just the attenuation of the beam; thus, it 

can potentially resolve the challenge of minimal variation in X-ray absorption of soft tissues [50]. 

X-ray phase contrast imaging can record the variations in distorted wavefronts behind the objects 

owing to the shift in direction or interference [52]. This approach can offer distribution of scattering 

characteristics of a sample by mapping attenuation and phase shift of the transmitted X-ray beam 

[53]. X-ray phase contrast imaging has been commonly used in preclinical studies since it can 

produce increased contrast to visualize thick, complex, and weakly absorbing samples in biology 

and medicine [53]. Multiple techniques have been developed to exploit the phase information in 

X-ray phase contrast imaging such as crystal interferometry, in-line phase contrast imaging, 

analyzer-based imaging, grating interferometry, and edge illumination [50]. These approaches have 

varied principles and experimental systems to convert the X-ray phase shift into intensity in the 

images [50]. 

1.2.3.1 Crystal interferometry 

Crystal interferometry was the first X-ray phase contrast imaging approach developed [55]. The 

system is composed of three perfect crystal splitters in which the first splitter divides the incident 

beam into two phase coherent beams that are converged by the second splitter [50]. The object is 

positioned after the second splitter and is in the way of one beam, then the wavefronts are combined 

at the third splitter before being recorded by the detector [50]. This method is suitable for objects 

with small and smooth phase gradients [52, 53]. This approach requires a high degree of angular 

alignment, stability and care that the crystal interferometer splitter system constructed from a 

highly perfect single crystal is not strained as the splitters must maintain alignment at an atomic 

(nanometer) level [52]. It also has a small field of view, and sensitive to small phase shift in the 
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objects and environmental disturbances, so it is less commonly used in breast imaging (Figure 1.2) 

[50].  

1.2.3.2 In-line phase contrast imaging  

In-line phase contrast imaging (PCI), also called propagation-based imaging, is based on the 

propagation of X-ray waves in free space for some distance after interacting with the object being 

images [50]. It detects the phase shift when X-rays are traversing through object components with 

varied electron densities by placing detector a distance from the objects [50]. When the transverse 

coherent wavefronts passing through the sample, the transmitted beams are allowed to propagate 

some distance in which there may be some interference occurring or redirecting of x-ray intensities 

due to subtle x-ray refraction within the object, causing a variation of intensity at the detector [53]. 

The setup of PCI is simple because there are no extra optical components [55]. Therefore, there is 

no wasted X-ray dose prevented by the interval equipment and the system stability is not 

demanding. Most studies use monochromatic synchrotron radiation, but this technique can be 

conducted with cone-beam and partially coherent polychromatic X-rays from microfocal tubes [50, 

53]. However, since this technique usually uses detectors with pixel size in the micron range, it has 

a small field of view [54]. Moreover, it requires a highly spatial coherent X-ray beam [50], so the 

scanning time may be too long to be applicable [55]. There are many phase retrieval algorithms 

that have been used for in-line phase contrast imaging to achieve high quality images with radiation 

 

Figure 1.2: The experimental set-up of crystal interferometry 
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dose equivalent to 2D planar radiography [50]. Nevertheless, the phase retrieval may not be 

mandatory to extract essential information as this method is still skilled at enhancing the object 

borders and characterize the structures without further data processing (Figure 1.3) [53].  

1.2.3.3 Analyzer-based imaging 

Analyzer-based imaging, e.g., diffraction-enhanced imaging (DEI), is composed of a double-

crystal monochromator that is placed before the object, and a crystal analyzer that is positioned 

between the object and the detector [50]. The analyzer is set at an angle that diffracts only the 

incident rays that are close to the Bragg angle or have the correct angle to the atomic lattice plane 

in the analyzer at a specific X-ray energy or wavelength [56]. The refracted and scattered rays 

outside the angular acceptance are hindered [50]. When the analyzer is rotated, the variation in the 

intensity is recorded with a rocking curve that is a triangular-shaped curve with the peak reflectivity 

approaching 100% [56]. The analyzer is adjusted to diffract at the angle correlated with the peak 

(without an object) or at the mid-slope on either side (low or high angle) of the rocking curve [53]. 

At the top of the rocking curve, scattering and refracted rays are rejected, creating apparent 

absorption contrast that is a combination of absorption and extinction [57]. Extinction is the 

reduction in intensity because of the diffraction of X-rays travelling through an object [57]. The 

variations in the propagation at the low and high angles of the rocking curve are transformed to 

refraction contrast, whereas the intensity recorded at the tail of the rocking curve shows scattering 

contrast [53]. Several algorithms have been developed to extract separately absorption, refraction 

Figure 1.3: The experimental set-up of in-line phase contrast imaging 
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and scattering [57-60]. Nonetheless, the DEI setup is complicated and sensitive to small vibrations 

and other instabilities [50]. This technique was used to investigate human breast cancer specimens, 

comparing it with digital mammography [56]. In an experiment using full-thickness human breast 

tissues, DEI performed with a tungsten X-ray tube showed similar contrast to DEI conducted with 

synchrotron source, indicating a potential for breast cancer detection in clinical practice [61]. 

Nonetheless, the scanning time for DEI prototype is much longer than that of DEI-synchrotron by 

a factor of 10 (Figure 1.4)  [61].  

1.2.3.4 Grating interferometry 

X-ray grating interferometry is based on the optical phenomenon that is Fresnel diffraction in a 

periodic grating [50]. The grating interferometry setup needs a highly spatial coherent x-ray beam 

and two Talbot-Lau gratings that are placed between the object and the detector [50]. The first 

grating (phase grating) creates a periodic pattern in the X-ray waves that interfere and reproduce a 

periodic variation with centimetric Talbot distances [50]. The Talbot distances are proportional to 

the square of the grating period and inversely proportional to the X-ray wavelengths [50]. The 

second grating (absorption grating) is placed at a Talbot distance to transform the interference 

pattern into intensity recorded by the detector [50]. This setup can measure the absorption contrast, 

the refraction contrast, and the dark-field contrast [50]. When placing a third grating between the 

source and the object, this approach can also be conducted with a low coherent X-ray source created 

by polychromatic X-ray tubes [50, 62]. Grating interferometry can be performed with conventional 

X-ray tubes and large field of view (up to several centimeters) [54]. This approach does not 

necessitate spatial or temporal coherence of the beam and can generate a large field of view [62]. 

 

Figure 1.4: The experimental set-up of analyser-based imaging 
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Nevertheless, high radiation dose, low mechanical stability, and long exposure time are its 

limitations [50]. Grating interferometry has been coupled with mammography into a breast imaging 

method that is promising for clinical implementation (Figure 1.5)  [63].  

1.2.3.5 Edge Illumination 

Edge illumination is a non-interferometric and incoherent phase sensitive X-ray imaging approach 

using a pair of apertures masks [64]. The setup comprises of two aperture systems with micrometer-

size slits, one of which is placed before the objects and the other is located right before the detector 

[50]. The first aperture collimates the beam and creates multiple narrow beams before going 

through the objects while the second aperture absorbs half of the beams before the rest reaching 

the detector [50]. Three projection images are necessary for reconstruction and separation of three 

X-ray effects: absorption, differential phase, and scattering [65, 66]. This technique works with 

low coherence X-ray beams of laboratory X-ray tubes and is promising to be conducted with a 

reduced radiation dose [50]. It does not require spatial and temporal coherence and is not affected 

by the environmental disturbances or thermal changes [65]. However, the drawbacks of this 

approach are long exposure time and small field of view [50]. Since edge illumination can generate 

scattering images using X-ray tubes, this technique has the potential to be translated into clinical 

dark-field imaging (Figure 1.6) [55].  

   

Figure 1.5: The experimental set-up of grating interferometry 
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1.2.4 Benefits of X-ray phase contrast for breast imaging 

X-ray phase contrast breast imaging can improve soft tissue contrast in clinical performance and 

maximize the visualization of fine-structure tissues with low absorption radiation dose [54]. 

Synchrotron radiation has a potential to enhance the contrast in mammographic images and have a 

better characterization of lesions than digital mammography [67]. Therefore, synchrotron-based 

DEI is advantageous for reducing dose since this technique is based on the refraction property that 

decreases slowly when the energy increases [67]. In Bravin et al. (2002), when capturing images 

with DEI at a high energy (50 keV), the mean glandular dose was reduced approximately 10-fold 

(0.17 mGy) compared to typical dose in mammography performed at 20 keV [67, 68]. Furthermore, 

clinical results of synchrotron PCI showed a sensitivity of 81% and a specificity of 94%, which 

can be used for clarifying suspicious and undetermined cancer in digital mammography [69]. It 

also showed an improvement in diagnostic accuracy with a reduction of 43% in the absorption dose 

[70], compared with digital mammography. 

Several X-ray phase contrast imaging techniques combined with computed tomography (CT) have 

showed enhanced tissue contrast and paved the way for the clinical translation [71]. Research using 

phase contrast CT based on synchrotron crystal interferometry showed the characterization of 

breast lesions as relatively similar as that of pathological image [71]. In-line X-ray phase contrast 

tomography on whole fresh human breast tissue presented the same enhanced contrast quality as 

studies with formalin-fixed specimens [72]. With a comparable radiation dose, PCI tomography 

Figure 1.6: The experimental set-up of edge illumination 

 



18 

 

showed higher diagnostic accuracy than conventional two-dimensional techniques such as 

mammography and ultrasound [72]. The feasibility of  DEI tomography can also be performed at 

a comparable clinical dose, which was supported by a study using high resolution, high contrast 

and low dose method to image whole human breast tissues [73]. In this study, the dramatic 

reduction in mean glandular dose that is even lower than that of dual-view screening 

mammography is about 3-3.5 mGy which implies that the exposure time can be also decrease by a 

factor of 74% [73]. 

Although X-ray phase contrast imaging is excellent at imaging complex and weakly-absorbing 

samples [53], it is still mainly focused on anatomy of the structures. Developing a contrast agent 

that could aid in detection of breast cancer may further drive clinical translation. 

1.3 Microbubbles 

Microbubbles are used in ultrasound imaging as an intravenous contrast-enhanced agent, with a 

safe record when applied for cardiac, liver, and breast imaging [63]. With a diameter of 

approximately 1-10 µm, equivalent to red blood cells, they are vascular restricted but can access 

the microvasculature as well as major vessels [74]. There are two components required for 

production of stable microbubbles for ultrasound imaging: the gas core and a protective shell [74]. 

The gas core interacts with acoustic waves during ultrasound imaging, generating a unique and 

detectable signal, whereas the shell acts to slow diffusion of the gas core into the surrounding fluids 

[74].  

1.3.1 Composition 

1.3.1.1 Gas 

The gas core is an important component of MBs, ultimately determining their stability during 

imaging [75]. One of the first generations of MBs were air-filled, encapsulated by galactose shells 

such as Echovist and Levovist  [2]. However, Echovist MBs cannot tolerate the pressure in the left 

ventricle and peripheral circulation. Later, Levovist MBs with a shell composed of galactose and 

a lipid (palmitic acid lipid) showed increased stability allowing it to pass through capillary beds 

and to produce an ultrasound signal for 1-5 minutes [2]. Air-filled MBs have also been encapsulated 

in albumin shells (Albunex). Although they can surpass pulmonary circulation and the left 
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ventricle, their half-life is still short (<1 minute) [2]. Current MB-based contrast agents make use 

of high molecular weight gases such as perfluorocarbons (e.g., perfluoropropane – C3F8, 

perflurobutane – C4F10, perfluoropentane – C5F12, perfluorohexane – C6F14) and sulfur hexafluoride 

[76]. These gases that are biocompatible, biologically inert, and highly stable have low surface 

tension, so they substantially increase the endurance of MBs, up to several minutes [76]. A 

parametric study showed that perfluorocarbons and sulfur hexafluoride gases outperformed the air 

in terms of diffusivity in the water, Otswald coefficient (blood-gas partition coefficient) and 

permeability through the encapsulation [77]. Perfluorocarbons are considered the perfect 

hydrophobic gas for generating highly stable and clinically safe MBs due to high molecular weight 

[76]. Larger gas molecules have increased solubility and reduced diffusivity; for instance, non-

branched heavier perfluorocarbon gases other than C3F8 with longer carbon chains (-CF2) have 

been also used in many studies [77]. Perfluropropane and perfluorobutane significantly showed 

higher stability than sulfur hexafluoride in ultrasound imaging in vitro and in vivo [75], but they 

are more costly (Table 1.1).  

1.3.1.2 Shell materials 

The protective shell has a large effect on the stability and persistence of MBs in peripheral blood 

circulation in addition to the gas core [78]. The shell is designed to reduce gas diffusion into the 

blood based on the combination of Laplace pressure and blood pressure [79]. Common shell 

materials include denatured proteins, phospholipids, and polymers, each with their own unique 

properties [78].  

Table 1.1: Microbubble-based ultrasound contrast agents for intravenous injection [1, 2] 

Manufacturer Trademark name Gas Shell 

Bracco SonoVue Sulfur hexafluoride Phospholipid 

Bristol-Myers Squibb Definity  Perfluoropropane Phospholipid 

Mallinckrodt Albunex Air Albumin 

Amersham Health  Optison Perfluoropropane Albumin 

Amersham Health Sonazoid Perfluorobutane Lipid  

Schering Echovist Air Galactose 

Schering Levovist Air Galactose-palmitic acid 

Schering Sonavist Air Polymer 
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1.3.1.2.1 Sugar shells 

Echovist MBs composed of galactose shell and air-core was first commercialized in Europe in 

1991 [2]. These MBs have a narrow size population with 97% smaller than 6 µm, and their mean 

diameter was around 2 µm [2]. However, Echovist MBs are not stable enough for crossing the 

pulmonary system [2]. The second-generation sugar-based MBs  were Levovist (1996) that are 

filled with air and shelled with a mixture of 99.9 % galactose microparticles and 0.1 % palmitic 

acid [80]. They can be stored as a dry powder and used instantly after adding water [81]. Their 

average diameter is 2 - 5 µm in which 97% are smaller than 7 µm [80]. These MBs can last in the 

bloodstream for approximately 2 minutes after administration and are seen to accumulate mostly 

in the liver and spleen [80]. 

1.3.1.2.2 Protein shells 

Protein-shelled MBs (Albunex) were approved for use by the FDA in 1994 [82]. These MBs are 

filled with air so they are more likely to be diffusible. The Albunex suspension consists of roughly 

7×108 microbubbles/mL with a size range from 1 to 15 μm diameter [74]. Optison is the second-

generation albumin-shelled MBs filled with perfluoropropane, which increases circulation 

endurance in vivo [74]. The average size of these MBs is between 1.0 μm and 2.25 μm, with 93% 

less than 10 μm, and the mean concentration is approximately 5-8×108 MBs/ml [2]. Albumin-

shelled microbubbles with a shell thickness of 15 - 20 nm are rigid due to the covalent cross-linking 

of residue cysteine amino acids in the albumin [74] and they can be stored for years by refrigerating 

the dispersed solution [81].  

1.3.1.2.3 Lipid shells 

Lipid-shelled MBs are the most commonly used in biomedical imaging with multiple commercial 

brands that have been approved for clinical use including Definity and Sonovue [74]. Definity MBs 

contains perflutren gas with a mean diameter of 2.5 µm [2], whereas SonoVue is a sulphur 

hexafluoride-filled MBs with a mean diameter of 2.2 µm [75]. Phospholipid shells are usually made 

of a lipid monolayer of which the hydrophilic groups turn outward and the hydrophobic groups 

point inward [74]. Lipid molecules are connected by weak physical forces (Van der Waals forces, 

hydrophobic forces), making the shell more flexible, and thinner (~3 nm) increasing their 

echogenicity [74]. However, the trade-off of lipid-shelled MBs are polydispersed diameter [83] 
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and low stability at room temperature depending on the gas content. Sonovue MBs are 

recommended for use within 4 hours after reconstitution [84] and Definity MBs are used within 12 

hours after activation [85]. Lipid shells are also relatively straight forward to modify [81]. They 

are usually composed of two types of lipids assembling into a monolayer [86]. The main constituent 

is long-chain lipids such as disaturated phosphatidylcholine (PC) that has low surface stress and 

low gas penetrability [86]. The subsidiary component is a lipo-polymer consisting of a lipid anchor 

such as distearoylphosphatidylethanolamine (DSPE) connected with a hydrophilic polymer like 

polyethyleneglycol 2000 (PEG 2000).  This polymer helps to avoid microbubble coalescence in 

solution and improve biocompatibility [86].  

1.3.1.2.4 Polymer shells 

Polymer shells are relatively thick (100-200 nm) and rigid compared to other shell materials.  These 

shells are formed by the chemical cross-linking of polymer chains in the presence of a sheer force 

[74]. The rigidity can improve the stability of MBs, but it restricts the compression and expansion 

of MBs limiting ultrasound echogenicity [74]. The rigid shell also affects in vivo stability during 

imaging. Where lipid shell MBs can reseal the cracked surface during ultrasound imaging, polymer 

shells are more likely to rupture through shell defects induced by rupture of the shell [74]. Polymer-

shelled MBs are also produced with narrower size distribution compared to lipid-shell MBs [74]. 

Polyvinyl alcohol (PVA) is a biocompatible, non-toxic, and inert synthetic polymer widely used in 

human biomedical applications [87]. PVA-MBs follow similar blood pool clearance patterns as 

commercial MBs, being cleared by macrophages, suggesting a promising application of PVA-MBs 

as contrast agents in vivo [87]. Hybrid polymer-surfactant also allows further modifying the shell 

of premade MBs by coating polyelectrolyte multilayer using the adsorption of opposite charged 

ionic polymer solutions [74]. These PVA-MBs also have a prolonged shelf life up to several months 

to years [74]. 

1.3.2 Biodistribution of microbubbles  

Ultrasound microbubbles are considered safe with a comparable or lower rate of adverse reaction 

than other contrast agents [81]. The recorded incidence of hypersensitivity reaction was smaller 

than that of iodine contrast agents in CT and equivalent to that of gadolinium contrast agents in 
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MRI [80]. Microbubbles can last in the systemic circulation for several minutes before destruction 

[81]. In general, the inert gases, which do not enter the metabolism, are emitted through the lungs 

while the shell is cleared by the kidney and removed by the liver [2]. The inert gases include the 

perfluorocarbon and sulfur hexafluoride process, but the phospholipid and galactose shell is 

processed the body metabolism [2]. While the gas is eliminated via exhalation, the shell materials 

are phagocytosed by Kupffer cells or macrophages [81]. 

1.3.3 Applications in X-ray phase contrast imaging 

1.3.3.1 In-line phase contrast imaging 

Multiple types of MBs have been commonly used as a contrast agent for preclinical PCI since the 

gas inside the MBs has a different refractive index to the surrounding tissues can generate phase 

contrast at the tissue boundaries [88]. Lipid-shelled MBs (SonoVue) filled with SF6 with a mean 

diameter of 2.5 µm and 90% of which were smaller than 8 µm was identified as a promising 

contrast agent for synchrotron PCI [89].  In this study, MBs were injected in vivo, then the mouse 

was euthanized and the liver excised and imaged. Some of the blood vessels in the liver  were 

highlighted, but contrast was not high [89]. These MBs have a wide size distribution, and the 

concentration was not reported [89]. Copolymer-shelled MBs (Expancel 461 DU 20) 6-9 µm have 

also been imaged as a contrast- medium for in-line phase contrast imaging using a high voltage 

microfocus X-ray source with a controlled radiation dose [90]. Nonetheless, these MBs had a thick 

shell and a small amount of gas, so the absorption contrast was more dominant than the refraction 

contrast. Lipid-MBs with a perfluorobutane gas core (Targestar-P) performed well as a molecular 

PCI medium to identify thrombosis in blood vessels that is undetectable in absorption-based 

radiographic imaging [88]. The arteriovenous shunt thrombosis was conducted in a mouse model 

by placing a silk thread in the bypass blood flow between the right carotid artery and left jugular 

vein [88]. These MBs targeted at P-selectin that had a concentration of 1×107 MBs/ml with a mean 

diameter of 1.94 ± 5.99 µm showed increased binding versus unbound and IgG-targeted MBs [88]. 

Generally, MBs showed a potential to increase the refraction contrast in PCI, nonetheless; the 

parameters of tested MBs including shell materials, size, and concentration were not homogeneous.  
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1.3.3.2 Diffraction-enhanced imaging 

Microbubbles have been also applied as contrast agents for analyzer-based imaging approaches. 

Sugar-based MBs had a good performance in generating contrast with diffraction-enhanced 

imaging in which the apparent absorption images that combined with extinction contrast was four 

times higher than the normal absorption radiography [91]. To convert X-ray imaging into a 

functional approach to monitor drug delivery, Millar et al. (2013) used generalized diffraction-

enhanced imaging to measure the concentration of MB-based contrast agents in tissues [92]. 

Furthermore, the variation of MB concentration when flowing in the vessels can be measured with 

X-ray phase contrast imaging [93]. A single shot dark-field image means that an image was 

captured with only ultra-small-angle X-ray scattering [93]. They used polymer MBs due to their 

excellent rigidity that avoids the bursting when MBs were moving in the phantom [93].  

1.3.3.3 Grating interferometry 

Multiple MBs with different compositions were used as contrast agents for scattering production 

in dark-field imaging based on grating interferometry [94]. Tested MBs had a polydispersity in size 

and differences in shell materials as well as concentrations, so these MBs also behaved variedly in 

dark-field imaging where albumin-shelled MBs had greater signal than phospholipid-shelled MBs 

[94]. Lipid-shelled MBs filled with SF6 have also been used as a contrast agent for grating 

interferometry [63]. Although MBs showed dark-field contrast that is distinguished from a 

homogeneous background, the dose and size of microbubbles should be concerned [63]. Velroyen 

et al. (2015) utilized the scattering property of polymer-shelled MBs coated with SPIONs for 

grating-based dark-field imaging [95]. These MBs outperformed in the dark-field channel, 

indicating the feasibility of a promising nanoparticle-loaded MB contrast agent for improving 

scattering signal [95]. However, the used concentration with these results was relatively high, 5 × 

109 MBs/ml, which may not suitable for in vivo imaging [95]. Another systematic study of how 

MB parameters affecting the grating-based dark-field signal was conducted by Zhang et al. (2016), 

which suggests the features of MBs maximizing the dark-field imaging in terms of sizes, shell 

material, shell coating, and shell thickness [96].  
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1.4 Research objectives 

This thesis is broken down into two primary studies and one secondary study.  The goal of the two 

primary studies are:  

1) To determine the optimal microbubble construction for In-line phase contrast imaging. 

2) To determine the optimal microbubble construction for Multiple-Image Radiography. 

The goal of the secondary study is: 

1) To determine the best approach for ligating SPIONs to PVA-shelled microbubbles to 

generate T2 contrast using MRI. 

1.5 Research hypothesis 

1. Microbubbles with larger gas content and thinner shells would be more suitable contrast 

for In-line phase contrast imaging and Multiple-Image Radiography. 

2. SPION-coated MBs would provide better T2-weighted MRI signal due to the capacity 

containing more iron nanoparticles. 

This thesis has been organized into 5 chapters, including this introductory chapter. Chapter 2 

describes development of a contrast agent based on microbubbles for detection using a synchrotron 

X-ray In-line Phase Contrast Imaging technique (Published by the journal of IEEE Transaction on 

Biomedical Engineering). Chapter 3 describes development of a microbubble-based contrast agent 

for an analyzer-based imaging successor, Multiple-Image Radiography, (with intention to submit 

it to the journal of IEEE Transaction on Biomedical Engineering). Chapters 4 describes the 

potential of microbubbles loaded with superparamagnetic iron oxide nanoparticles (SPIONs) as a 

contrast agent for T2-weighted Magnetic Resonance Imaging. Finally, chapter 5 describes the 

discussion, conclusion and future directions. 
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CHAPTER 2 

Developing a Microbubbles-based Contrast Agents for  

Synchrotron In-line Phase Contrast Imaging 

 

In-line phase contrast is an X-ray phase imaging techniques with the simplest setup that is similar 

to conventional radiography, except for the detector that is placed a distance away from the object 

to yield the propagation phase [53]. This techniques has the possibility of generating the highest 

resolution, and has been previously used to detect microbubbles [89, 97]. Therefore, imaging MBs 

with in-line phase contrast imaging would be a first option in finding the optimal MB constructions 

and the minimum concentrations that give the best phase contrast. This chapter was published as 

“Ngoc Ton, Una Goncin, Arash Panahifar, Dean Chapman, Sheldon Wiebe, and Steven Machtaler, 

2020, Developing a Microbubbles-based Contrast Agent for Synchrotron In-line Phase Contrast 

Imaging, IEEE Transaction on Biomedical Engineering”. According to the Copyright Agreement, 

"the authors retain the right to include the journal article, in full or in part, in a thesis or 

dissertation".  

2.1 Abstract  

X-ray phase contrast imaging generates contrast from refraction of X-rays unlike absorption in 

conventional radiology. This enhances visualization of soft tissues, often at a reduced absorption 

radiation dose. Our goal is to develop a contrast agent for X-ray in-line phase contrast imaging 

based on ultrasound microbubbles (MBs), by assessing size, shell material, and concentration. We 

constructed MBs with two different shell materials: phospholipid and polyvinyl-alcohol (PVA). 

Polydisperse perfluorobutane-core lipid-MBs were size separated using centrifugation into five 

groups between 1-10 µm. We generated two size populations of air-core PVA-MBs, 2-3 µm and 

3-4 µm, whose shells were either coated or integrated with iron oxide nanoparticles (SPIONs). 

Microbubbles were then embedded in agar at three concentrations: 5×107, 5×106 and 5×105 

MBs/ml. In-line phase contrast imaging was performed at Canadian Light Source with filtered 

white beam micro computed tomography. Phase contrast intensity was measured by counting 

detectable MBs, and comparing the mean pixel values (MPV) in minimum and maximum intensity 

projections. We could detect lipid-MBs 6-10 µm, lipid-MBs 4-6 µm and PVA-MBs coated with 
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SPIONs at every concentration. With MPV, both lipid-MBs 6-10 µm and 4-6 µm showed an 

increase in positive contrast at high concentration, whereas only lipid-MBs 6-10 µm showed a 

significant difference at moderate concentration. Substantial changes in negative contrast were also 

seen from two largest lipid-MBs at high concentration. These data indicate that lipid-MBs larger 

than 4 µm are good candidates for in-line phase contrast imaging, and 5×106 MBs/ml may be the 

lowest concentration suitable for generating visible phase contrast in vivo. 

2.2 Introduction  

Breast cancer screening programs using mammography have increased the survival rate by five 

years and reduced mortality rate for women between the ages of 40-74 [11, 98]. Mammography, 

however, does not always work well in all women. There is decreased sensitivity and specificity in 

patients with dense breast tissue, which accounts for approximately 40% of women between 40-49 

years old [6]. Breast density is based on the proportions of fibro-glandular and fatty tissue, with 

denser breasts having an increased proportion of fibro-glandular tissue. Dense breasts are the key 

factors leading to false-negative findings in mammography since they can conceal tumours on 

mammograms and limit the ability to accurately assess breast cancer [99]. For example, 98% of 

cancers were found in women with fatty breasts, whereas only half of breast tumors were detected 

in women with dense breasts [100]. Breast density is also related to three times higher recall rates 

and false-positive results [101], which causes unnecessary biopsy, radiation absorption exposure, 

higher cost, and patient distress [70, 101]. 

Conventional mammography relies on radiation absorption of tissue to generate contrast [102]. As 

breast tissue density increases, so does the absorption coefficient, making tumours challenging to 

detect from the surrounding tissues. X-ray phase contrast imaging (XPC) is a promising approach 

that has potential to increase detection of breast cancer in patients with variations in breast density 

[54, 98]. Instead of using X-ray absorption, XPC exploits a phase shift that occurs in an X-ray wave 

as it passes through different material composition [53, 69]. This approach can highlight soft tissue 

structures that are otherwise invisible to conventional absorption-based X-ray imaging, and can do 

so at a similar or reduced radiation dose [52, 70]. As such, there has been great interest in XPC for 

breast tissues [52, 69, 70]. Of the multiple phase contrast techniques, propagation-based imaging, 

also called in-line phase contrast imaging (PCI), has the simplest setup without the need for crystal 
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analyzers or gratings between the object and the detector. It does, however, require different source 

sizes and/or long propagation distances combined with small detector pixel size.  By moving a 

pixelated detector over a longitudinal distance (propagation distance) from the object, the intensity 

variation of the phase shift is detected [50]. This approach could potentially be developed for 

clinical use [53, 102]. 

The potential of XPC is not limited to visualizing anatomical structures, but can be transformed 

into a molecular imaging modality by developing a suitable contrast agent.   Microbubbles (MBs) 

are a safe and widely used intravenous ultrasound contrast agent.  They are micron-sized spheres 

with a gas core made of high-molecular weight gases such as perfluorobutane or sulfur 

hexafluoride, protected by a shell composed of either lipids, proteins, polysaccharides or polymers 

[74, 103, 104]. The surface of MBs can be modified to include targeting agents (antibodies, 

peptides) that can allow them to adhere to proteins expressed on the vasculature in diseased tissues 

[104]. Important to XPC, the gaseous core has a different refractive index from the intravascular 

biological fluids. The phase shift of the incident X-rays at the MBs’ interface can form bright 

boundaries, generating image contrast [97].  

Microbubbles have been previously investigated as a contrast agent for XPC, with moderate results. 

These MBs were composed of various shell materials including lipid [88, 89, 94], protein [94, 105, 

106], or polymer [90, 95], generating a detectable signal. However, one common feature of these 

studies was that they used a polydispersed MB solution, where it is unknown what sized MBs 

contributed most to signal contrast. Our goal was to design a MB specific for PCI that would 

generate a high signal at a low, clinically relevant dose. Our approach was to perform a systemic 

assessment of MB parameters including size, shell material, shell coating and concentration. By 

altering these parameters to provide a spatially varying X-ray refractive index, we expected to 

identify an ideal MB construction that will provide PCI visibility. By optimizing MB shell material 

and diameter, we aimed to both greatly enhance contrast and reduce the amount of contrast agent 

needed for detection. This is an important step in potential clinical translation and future molecular 

imaging applications. 
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2.3 Methods and Materials 

2.3.1 Microbubble synthesis 

Lipid-shelled MBs: 15 mg of two phospholipids, DSPC (1, 2-distearoyl-sn-glycero-3-

phosphocholine) and DSPE-PEG2000 (1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-

[methoxy (polyethylene glycol)-2000]) (Avanti Polar Lipids, SigmaAldrich, USA) at a 9:1 ratio 

were used, making up the outer shell. A dried lipid-film was incubated with 15 ml warm phosphate-

buffered saline solution at 65°C for 1 hour, followed by rapid cooling in an ice bath for 5 minutes. 

MBs were then generated using a sonicator (Fisher Scientific, USA) by placing the tip at the surface 

of a lipid solution containing a perfluorobutane (C4F10) (FluoroMed, L.P., USA) headspace with 

20% amplitude for 10 seconds and then 50% amplitude for 30 seconds. This process resulted in a 

polydispersed MB solution. Since lipid-shell MBs have low stability, they were prepared the night 

before experimental day and stored at 4oC until imaging. 

Polyvinyl alcohol-shelled MBs: Full hydrolyzed PVA (20 g/L, SigmaAldrich, USA) was 

solubilized at 80°C in deionized water containing 1.9 g/L sodium metaperiodate oxidizing agent 

(SigmaAldrich, USA). The suspension was incubated at 80°C for 1 hour and cooled to 22°C. 

Finally, the solution was stirred with a homogenizer at 8000 RPM for 2 hours: 1) Fisher Scientific 

850 Homogenizer (Fisher Scientific, USA) with 35 mm-diameter, fine flat tooth probe, or 2) IKA 

T25 digital Ultra Turrax (IKA, Germany) with 25 mm-diameter, flat bottom, and narrow window 

probe. 

2.3.2 Microbubble size isolation 

Lipid-shelled MBs: Lipid-shelled MBs were washed and size isolated using differential 

centrifugation as previously described by Feshitan et al. [83]. Briefly, the MB suspension was 

collected in a 30 ml syringe covered with parafilm and concentrated by centrifugation at 300 g for 

10 minutes, forming a MB cake on top of the solution. The MB cake was then collected and 

suspended in 30 ml of PBS. The subsequent MB solution was centrifuged sequentially at 30 g, 70 

g, 160 g and 270 g for 1 minute each, removing the cake (which contains the size isolated MBs) 

from the infranatant each time (containing the smaller MBs). Finally, the remaining MBs were 

collected by centrifugation of the solution at 300 g for 10 minutes.   
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Polyvinyl alcohol-shelled MBs: Two homogenizers having differences in the tip design gave two 

MBs size populations. The Fisher Scientific 850 Homogenizer produced MBs 2-3 μm in diameter, 

and the IKA T25 digital Ultra Turrax generated MBs 3-4 μm in diameter. A MB cake was generated 

by concentrating the MBs overnight in a stopcock glass separatory (1000 ml) funnel at room 

temperature. 

2.3.3 Microbubble concentration and size distribution analysis 

For determining the concentration, MBs were diluted 1:100 before imaging on a Nikon Eclipse 

E600 microscope equipped with a ProgRes CT5 camera. A hemocytometer (Fisher Scientific, 

USA) was used for counting the MBs. For analyzing the size distribution, five images were taken 

on each slide at 40X magnification. The MBs were then analyzed using ImageJ software (NIH, 

USA). The area of each MB in the field of view was measured using the particle analyzer tool in 

ImageJ, excluding MBs clustered or on the image edge. The average diameter, standard deviation 

and histogram analysis were computed using Microsoft Excel.  

2.3.4 Superparamagnetic Iron Oxide Nanoparticles (SPIONs) synthesis 

Concentrated SPIONs solution: SPIONs were produced using the co-precipitation method by 

mixing two solutions. Solution 1 was made of 2 g FeCl2.4H2O (SigmaAldrich, USA) and 5.4 g 

FeCl3.6H2O (SigmaAldrich, USA) in 50 ml water, while solution 2 was composed of 1.92 g citric 

acid (Fisher Chemical, USA) in 100 ml 0.1 M HCl (Fisher Chemical, USA). First, 5 ml of solution 

1 was mixed with 15 ml deionized water and 4 ml of ammonium hydroxide (28-30%, Fisher 

Chemical, USA). Magnets were then used to precipitate the SPIONs and remove the supernatant, 

followed by washing 3 times in 10 ml deionized water. After washing, 9 ml of solution 2 was added 

to the product and the mixture was stirred at 60°C for 20 minutes. Finally, the SPIONs were washed 

with 10 ml deionized water until iron oxide particles no longer precipitated with the magnet. The 

pH of SPIONs solution was subsequently raised to 7-7.5 with diluted ammonium hydroxide.   

SPIONs coating buffer: 200 µl of concentrated SPIONs were diluted 1:500 in deionized water, 

filtered through a 0.2 µm filter and read at 430 nm using a SpectraMAX 190 microplate reader 

with Softmax Pro software (Molecular Devices, Australia). Next, multiplying the absorbance by 

500 and then dividing it by 4.33, gave the dilution factor (e.g., 16). The SPION coating buffer was 
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made by diluting concentrated SPIONs in 0.05 M sodium acetate solution with the dilution factor. 

2.3.5 SPION addition to PVA-shelled MBs 

SPION-integrated PVA-MBs: SPIONs were integrated into a subset of 3-4 μm PVA-MB shells by 

adding a 10 ml concentrated SPIONs solution (fabricated above) for every 2 g/100 ml PVA during 

shell formation. After synthesis and concentration in separatory funnel at room temperature, the 

MBs incorporating SPIONs into their shell were stored in deionized water [107]. 

SPION-coated PVA-MBs: Two different SPION-coated MBs were used. MBs with a single SPION 

layer were generated using a modification of a layer-by-layer method previously described by 

Barrefelt et al. in 2013 [108] while PVA-MBs with four SPION layers were purchased from Surflay 

Nanotec GMbH (Germany). Each layer is of each MB is estimated to contain approximately 2.4 × 

10-12 g iron oxide (9.6 × 10-12 g per MB with 4 layers) [95]. First, 10 ml of MBs (approximately 

1011) were incubated in aminoguanidine (30 mg/ml, SigmaAldrich, USA) and 0.1 M HEPES 

(Fisher Chemical, USA) buffer at pH 8 (100 ml) on a rotator until they reached a zeta potential of 

+20 mV to +30 mV (at least 3 days). MBs were then washed and incubated in an anionic polymer 

solution containing 2 g/L poly sodium 4-styrene sulfonate (PSS) with an average molecular weight 

(Mw) of 70,000 (SigmaAldrich, USA) in 50 mM acetic acid and 0.2 M NaCl (Fisher Chemical, 

USA), pH 5.6. The MBs were washed 4 times for 5 minutes each in deionized water, and collected 

after centrifugation at 200 g. Following anionic polymer coating, MBs were coated with a cationic 

polymer, polyethyleneimine (2 g/L PEI, Mw 25,000, in 50 mM acetic acid, 0.2 M NaCl, pH 5.6; 

Lupasol WF, BASF, Germany), for 2 days at room temperature and then washed. Polymer layers 

were alternated until MBs were covered in five polymer layers (PSS/PEI/PSS/PEI/PSS). The MBs 

were then coated with another cationic polymer, polyallylamine hydrochloride (SigmaAldrich, 

USA) (1 g/L PAH, Mw 15,000, in 50 mM acetic acid, 0.1 M NaCl and pH 5.6), washed and 

subsequently coated with the anionic SPIONs. One hundred microliters of MBs (109) were mixed 

with 12 ml SPIONs coating buffer containing 0.5 M acetate buffer, 0.1 M NaCl and pH 5.6 to make 

up 15 ml solution. NaCl was added finally and slowly to allow precipitating SPIONs onto the MB 

surface. SPION-coated MBs were put on a rotator overnight and collected by centrifuging at 70 g 

for 30 minutes. After that, they were washed by centrifuging 3 times for 5 minutes at 200 g. Finally, 

the MBs were incubated with another layer of PAH. 



31 

 

 

2.3.6 Sample preparation and PCI 

Prior to imaging, MBs at three different concentrations (5×107, 5×106 and 5×105 MBs/ml) were 

rapidly immobilized by embedding in 0.5% ultrapure low melting-point agar powder (Invitrogen, 

USA) that was solubilized in deionized water and degassed by sonication at 37°C, allowing 

uniform MB distribution in either 1 cm2 bottom cuvettes (Fisher Scientific, USA) (Repeat #1) or 

in a 600 μl capped tubes (Fisher Scientific, USA) (Repeat #2-5). The samples were stored on ice 

until used.  

White beam X-ray micro-computed tomography was performed at the BMIT-BM beamline [109] 

of the Canadian Light Source. The X-ray beam was filtered with 2.2 mm Al + 0.084 mm Mo + 

0.055 mm Cu filters to remove lower energy X-rays. The resultant energy peaked at around 29 

keV.  The detector (Optique Peter, France) had a 200 μm-YAG scintillator paired with a PCO Edge 

5.5 camera with an effective isotropic voxel size of 3.57 μm3. For imaging, each sample was 

mounted on a stage within the horizontal field of view of 9.2 mm. The sample stage was 26.25 m 

away from the X-ray source. Sample to detector distance was 45 cm. Either 1800 projections 

(Repeat #1) or 2500 projections (Repeat #2-5) in continuous rotation over 180° were collected with 

an exposure time of 150 ms per projection. Each scan including collecting flats and darks took 10 

minutes. 

Figure 2.1: Microbubbles used for X-ray phase contrast imaging. (a) Polydisperse lipid-MBs were isolated by 

differential centrifugation into 5 different groups.  (b) PVA-MBs were synthesized with different diameters and 

shell coatings Scale bar: 10 µm. These images were acquired with a Nikon Eclipse E600 microscope equipped with 

a Progress CT5 camera. 
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2.3.7 Image reconstruction and analysis 

The central rotation axis was selected using the open source TomoVIEWER (Olympus, Japan) and 

CT data were reconstructed by filtered back projection using open source UFO-KIT [110] 

reconstruction software to generate slices.  A vertical area of 2.72 mm (Repeat #1) and 1.85 mm 

(Repeat #2-5) was imaged in the middle region of the sample container.  

Reconstructed slices were transformed into 10-slice stacks and then converted into minimum and 

maximum intensity projections. Then, MBs were counted using the particle analyzer tool in 

ImageJ. The number of enhanced X-ray phase objects (i.e., MBs) in a cylindrical-shaped region of 

interest with a volume of 56 mm3 was counted and averaged from five experimental repeats, 

consisting 52 minimum intensity projections. 

2.3.8 Statistical analysis 

Since our hypothesis was that the phase signal in samples with MBs was different from the control 

(agar), we used either a nonparametric test (Kruskal-Wallis) for variables with non-normal 

distribution (e.g., the average number of phase objects) or a parametric test (One-Way ANOVA) 

for variables with normal distribution (e.g., the mean pixel values) [111]. Statistical comparisons 

were completed using IBM SPSS 25 software (version 25.0, IBM, USA). Kruskal-Wallis test was 

used to determine if there were differences in the number of MBs in all samples, and pairwise 

Bonferroni test was used to identify where the differences occurred. One-Way ANOVA test was 

used for mean pixel values in minimum and maximum intensity projections. P-value indicating 

significance was < 0.05.  

2.4 Results 

2.4.1 Microbubble synthesis and isolation 

A series of MBs were created to determine the optimal parameters for PCI. Polydisperse lipid MBs 

were synthesized and separated into five groups: 1-1.8 µm (1.43 ± 0.45 µm), 1.2-2 µm (1.63 ± 0.49 

µm), 2-4 µm (2.7 ± 0.76 µm), 4-6 µm (5.07 ± 1.06 µm), and 6-10 µm (7.65 ± 2.18 µm) (Figure 

2.1a).  A series of MBs that consisted of a PVA shell and an air core were also made. Two distinct 

PVA-MB populations were created: 2-3 µm (2.25 ± 0.49 µm) and 3-4 µm (2.98 ± 0.85 µm). The 
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larger PVA-MBs were further modified 

to determine if changing the surface will 

change X-ray phase properties. 

Modifications included integrating 

SPIONs into their shells (3.00 ± 0.74 

µm), coating their surface in alternating 

layers of charged polymers (2.58 ± 0.5 

µm), and coating them with either 1 

layer of SPIONs (4.13 ± 0.74 µm) or 4 

layers of SPIONs (4.61 ± 0.9 µm). 

Because 4-layer SPION PVA-MBs 

tended to form very loose aggregates in 

solution, polymer-coated PVA-MBs 

that formed loose aggregates (2.95 ± 

0.97 µm) were also included (Figure 

2.1b).  

2.4.2 PCI of lipid-shelled MBs 

Microbubbles were imaged with PCI at the BMIT-BM beamline. Three concentrations of each MB 

were imaged: 5×107, 5×106, and 5×105 MBs/ml (Figure 2.2). At the high concentration, 5×107 

MBs/ml, lipid-MBs 6-10 µm and 4-6 µm in diameter were the most readily detectable (927,418 ± 

273,550 objects, and 904,026 ± 529,410 objects detected respectively). The number of MBs 

detected decreased as the diameter decreased (74,838 ± 77,173 objects: 2-4 µm), till they were no 

longer reliably detectable (2,237 ± 3,252 objects: 1.2-2 µm; 1,394 ± 1,723 objects: 1-1.8 µm). At 

the moderate concentration, 5×106 MBs/ml, only lipid-MBs 6-10 µm (160,494 ± 90,048 objects) 

and 4-6 µm (101,291 ± 88,924 objects) were still detectable, similar to the low concentration, with 

lipid-MBs 6-10 µm (13,392 ± 12,982 objects) and 4-6 µm (10,631 ± 10,376 objects) (Figure 2.3). 

2.4.3 PCI of PVA-shelled MBs 

At high concentration, PVA-MBs consisting of only the PVA shell and gas core were undetectable 

at both size distributions (3,169 ± 4,143 objects: 2-3 µm and 4,671 ± 5,856 objects: 3-4 µm). 

 

Figure 2.2: Phase contrast imaging of microbubbles. 

Selected images from a single 10-slice maximum intensity 

projections (a) and minimum intensity projections (b). 

Scale bar: 50 µm. Inset images (large dotted box) show 

zoomed regions of the samples (small dotted box). 
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Incorporating metal (SPIONs) into the shell of PVA-MBs 3-4 µm did not result in enhanced 

detection (1,810 ± 2,218 objects). We did, however, see an increase in the number of PVA-MBs 

detected when they were coated with charged polymers (8,811 ± 9,825 objects) and with one layer 

of SPIONs on top of the charged polymer coating (15,342 ± 6,784 objects). The highest number of 

PVA-MBs detected was PVA-MBs coated with four layers of SPION (87,048 ± 44,978 objects) 

and aggregated polymer-coated PVA-MBs (61,283 ± 14,589 objects). At moderate concentration, 

4-layer SPION-coated PVA-MBs were the most readily detectable (12,785 ± 10,240 objects), 

followed by aggregated polymer-coated PVA-MBs (9,242 ± 7,739 objects) with few (non-

significant) MBs detected in the other groups. At low concentration, only 4-layer SPIONs-coated 

MBs can still be detected (1,262 ± 815 objects) (Figure 2. 3).  

Kruskal-Wallis test was used to determine if there were significant differences between the groups. 

At all three concentrations, there were significant differences among the groups (p < 0.001). For 

further comparison, we split the entire dataset into three by concentrations and a pairwise 

comparison was then performed. In the same high concentration, only three types of MBs were 

still significantly different from agar, namely lipid-MBs 6-10 µm (p < 0.05), lipid-MBs 4-6 µm (p 

< 0.05) and 4-layer SPIONs-coated PVA-MBs (p < 0.05). A similar trend was also observed in the 

moderate and low concentrations (Table 2.1). 

Figure 2.3: The average number of phase objects (microbubbles) detected in a ROI of 56 mm3 from five 

repeats. Twelve types of MBs at three different concentrations were compared to the control – agar with * 

indicating significant differences (p < 0.05). 
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2.4.4 Positive and 

negative contrast 

production by MBs 

Phase contrast imaging 

of MBs generated both 

positive and negative 

contrast. For each 

sample, two projection 

images were created of 

positive contrast 

(maximum intensity 

projection) and negative contrast (minimum intensity projection) from the samples (520-slice 

stacks). In maximum intensity projections, the largest MBs gave the highest mean pixel value 

(MPV: 0-255) (Figure 2.4). The highest positive contrast was observed with lipid MBs 6-10 µm 

at the highest concentration (108.74 ± 

16.32, p < 0.001), which was significantly 

brighter than agar (75.85 ± 4.27), followed 

by lipid MBs 4-6 µm in diameter (91.41 ± 

5.22, p = 0.027) (Figure 2.5a; Table 

2.2a). At the moderate concentration, only 

lipid MBs 6-10 µm showed significant 

increase in MPV (90.94 ± 5.59, p < 0.001), 

whereas no significance was found at the 

low concentration for any MBs. A similar 

trend was observed with minimum 

intensity projections, where a significant 

decrease in MPV was measured from lipid 

MBs 6-10 µm in diameter (73.27 ± 16.45, 

p < 0.001) and lipid MBs 4-6 µm in 

diameter (109.77 ± 17.71, p = 0.014), 

Table 2.1: Pairwise comparison of detectable phase objects  

  P value 

Sample 1  Sample 2 
5×107 

MBs/ml 

5×106 

MBs/ml 

5×105 

MBs/ml 

Agar  Lipid-MBs 1-1.8 µm 1.000 1.000 1.000 

Agar  Lipid-MBs 1.2-2 µm 1.000 1.000 1.000 

Agar  Lipid-MBs 2-4 µm 0.405 1.000 1.000 

Agar  Lipid-MBs 4-6 µm 0.000 0.011 0.020 

Agar  Lipid-MBs 6-10 µm 0.000 0.002 0.003 

Agar  Uncoated Fisher PVA-MBs  1.000 1.000 1.000 

Agar  Uncoated IKA PVA-MBs  1.000 1.000 1.000 

Agar  Polymer-coated PVA-MBs 1.000 1.000 1.000 

Agar  Aggregated polymer-coated PVA-MBs 0.067 0.165 1.000 

Agar  SPION-integrated PVA-MBs 1.000 1.000 1.000 

Agar  1-layer SPION-coated PVA-MBs 0.641 1.000 1.000 

Agar  4-layer SPION-coated PVA-MBs 0.016 0.047 0.038 

 

 

Figure 2.4 Mean pixel value of 12 types of MBs (concentration: 

5×107 MBs/ml) from maximum (a) and minimum (b) intensity 

projections.  
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compared to agar 

(135.08 ± 5.60) at the 

high concentration 

(Figure 2.5b; Table 

2.2b). The MPV did not 

significantly change at 

the moderate 

concentration and low 

concentration for any 

MBs. With PVA-MBs, 

no significant changes 

in MPV were measured 

in maximum or 

minimum intensity 

projections at all 

concentrations. 

2.5 Discussion 

In this study, we 

performed a systematic 

analysis of what MB 

parameters are ideal for 

PCI. We created two different types of MBs, lipid-MBs with a perfluorobutane gas core, and PVA-

MBs with an air core, varying their diameter, concentration, and surface coating and asked what 

combination results in the optimal contrast using PCI. We were able to show that the larger lipid-

Table 2.2: Pairwise comparison of mean pixel values in maximum intensity projections (a) 

and minimum intensity projections (b)  

(a)  P value 

Sample 1  Sample 2 
5×107 

MBs/ml 

5×106 

MBs/ml 

5×105 

MBs/ml 

Agar  Lipid-MBs 1-1.8 µm 1.000 1.000 1.000 

Agar  Lipid-MBs 1.2-2 µm 1.000 1.000 1.000 

Agar  Lipid-MBs 2-4 µm 1.000 1.000 1.000 

Agar  Lipid-MBs 4-6 µm 0.027 1.000 1.000 

Agar  Lipid-MBs 6-10 µm 0.000 0.000 1.000 

Agar  Uncoated Fisher PVA-MBs  1.000 1.000 1.000 

Agar  Uncoated IKA PVA-MBs  1.000 1.000 1.000 

Agar  Polymer-coated PVA-MBs 1.000 1.000 1.000 

Agar  Aggregated polymer-coated PVA-MBs 1.000 1.000 1.000 

Agar  SPION-integrated PVA-MBs 1.000 1.000 1.000 

Agar  1-layer SPION-coated PVA-MBs 1.000 1.000 1.000 

Agar  4-layer SPION-coated PVA-MBs 1.000 1.000 1.000 

 

(b)  P value 

Sample 1  Sample 2 
5×107 

MBs/ml 

5×106 

MBs/ml 

5×105 

MBs/ml 

Agar  Lipid-MBs 1-1.8 µm 1.000 1.000 1.000 

Agar  Lipid-MBs 1.2-2 µm 1.000 1.000 1.000 

Agar  Lipid-MBs 2-4 µm 1.000 1.000 1.000 

Agar  Lipid-MBs 4-6 µm 0.014 1.000 1.000 

Agar  Lipid-MBs 6-10 µm 0.000 1.000 1.000 

Agar  Uncoated Fisher PVA-MBs  1.000 1.000 1.000 

Agar  Uncoated IKA PVA-MBs  1.000 1.000 1.000 

Agar  Polymer-coated PVA-MBs 1.000 1.000 1.000 

Agar  Aggregated polymer-coated PVA-MBs 1.000 1.000 1.000 

Agar  SPION-integrated PVA-MBs 1.000 1.000 1.000 

Agar  1-layer SPION-coated PVA-MBs 1.000 1.000 1.000 

Agar  4-layer SPION-coated PVA-MBs 1.000 1.000 1.000 
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MBs (6-10 µm) were both the most detectable and generated the highest contrast (both positive 

and negative).  In contrast, PVA-MBs were detected at very low levels only when in small 

aggregates, regardless of coating, and did not generate noticeable PCI contrast.   

We tested two common MB shell materials, lipid and PVA, but did not test two other shell materials 

that have been used clinically, protein (albumin) and sugar-based shelled MBs. Currently, lipid-

shelled MBs are the most common MBs for contrast-enhanced ultrasound imaging, both clinically 

and preclinically, due to their ease in construction and high echogenicity [74]. Lipid-shelled MBs 

consist of a single monolayer of phospholipids (3 nm thick) that are held together by weak physical 

forces, allowing the shells to be flexible [74]. They also have the advantage of being very modular 

in design. Each individual MB shell contains many individual lipid molecules, enabling 

combinations of different lipids with unique properties. For example, addition of phospholipids 

that have head-groups modified by the addition of polyethylene glycol can increase in vivo stability, 

and addition of chemical functional groups has allowed lipids to be bound to targeting agents (i.e., 

antibodies) required for molecular imaging [104]. Though this design is very adaptable, there are 

several drawbacks of current clinical lipid-shelled MBs, which include being polydisperse in 

diameter and low stability at room temperature (< 6-24 hours) based on the gas used, requiring 

 

Figure 2.5 Maximum (a) and minimum (b) intensity projections of MBs in agar. Projection images were produced 

from 520 slices. Scale bar: 500 µm. Inset images (large dotted box) show zoomed regions of the samples (small 

dotted box). 
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activation immediately prior to use. Both protein and polymer-shelled MBs have “rigid” shells that 

are formed through chemical crosslinking of proteins/polymers. This process leads to enhanced 

stability, at the drawback of reduced ultrasound echogenicity [81]. Though protein-shelled MBs 

are currently in clinical use, polymer-shelled MBs give us the ability to coat the surface with large 

amounts of SPIONs which we hypothesized would enhance X-ray phase contrast due to the 

refractive index variation [108]. Because of this, it was decided to focus on only lipid and polymer-

shelled MBs. 

2.5.1 Impact of the size, shell materials and coatings on the properties of MBs 

Various compositions of MBs in size, shell material and concentrations have been tested as a 

contrast agent for X-ray phase contrast projection imaging [88-90, 106]. Xi et al. (2011) found that 

sulfur hexafluoride-filled lipid-MBs (SonoVue), whose mean diameter was 2.5 µm and 90% of 

which were smaller than 8 µm, can highlight vessels in a mouse liver [89]. However, MBs used in 

that study were polydisperse and the concentration was not reported. Though they were able to 

identify a signal from the MB solution, it was not clear what the relative contribution of each sized 

MB was to the detected signal. Another study investigated lipid-MBs targeted to P-selectin with a 

perfluorobutane gas core (Targestar-P) for phase contrast molecular imaging to detect early murine 

thrombosis [88]. A concentration of 1×107 MBs/ml with a mean diameter of 1.94 ± 5.99 µm was 

directly injected into an external shunt vessel with a silk thread holding a thrombus. PCI was able 

to visualize targeted MBs attached to the thrombi [88].  Though promising, there was a large 

variation in MB diameter which may have affected the PCI signal.  Consistent with our findings 

with aggregated polymer-coated PVA-MBs though, these data suggest that accumulation of MBs 

on diseased vasculature may allow for an increase in PCI contrast compared to the surrounding 

tissue [88]. Copolymer-shelled MBs 6-9 µm in diameter (Expancel 461 DU 20) were also utilized 

for PCI with high-energy micro focus X-ray tube [90]. The actual gas portion of these MBs was 

very small, approximately 1 µm in diameter, because the volume ratio of shell to core was 4:1 [90], 

similar to the gas volume that lipid-MBs 1-2 µm can contain. In addition to an observed increased 

attenuation coefficient of thick copolymer shells, no significant phase changes were recorded in 

high concentration of MBs (more than 1×109 MBs/ml) [90]. This finding suggested that an optimal 

MB-based contrast agent for PCI should have low attenuation coefficient and high difference in 

index of refraction to surrounding tissues [90]. Thus, thin and weakly-absorbing shells, like lipids, 
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may be a much more suitable material. Polydisperse albumin-shelled MBs (OPTISON: 3-4.5 µm 

mean diameter, 95% less than 10 µm) were explored for PCI using a laboratory X-ray tube 

combined with tomography [106]. Here, MBs were detectable at a concentration equivalent to 

approximately 1×108 MBs/ml [106]. Though we were able to detect similar sized MBs (lipid MBs 

4-6 µm), our observations suggest that larger MBs generate significantly more contrast at a lower 

concentration, and are better suited to in vivo imaging. 

In our study, we observed that the largest lipid-MBs were the easiest to detect and generated the 

most contrast. Our ability to detect the MBs with PCI depends on multiple factors, one of which is 

the pixel size of the detector. With PCI of MBs, edge enhancement is paired with a decrease in 

signal intensity within the MB core. If these changes in contrast are summed, the total signal 

intensity change is zero in the image. Therefore, if the MB is within a single pixel, we would expect 

no change in the overall pixel intensity due to partial volume averaging. Consistent with this, we 

observed no phase contrast signal in lipid-MBs under 4 µm. Once the MB diameters increased over 

3.57 µm, we were able to detect them. The detectability of MBs that are just under twice the 

effective pixel size is attributed to the edge enhancement by the phase shift. If we had used a smaller 

pixel size, we possibly would have been able to detect smaller MBs. However, there is a trade-off 

with this, as pixel size decreases, the field of view also decreases and there is an increase in 

radiation exposure to maintain same image quality (e.g., 16 times more dose if the pixel size is 

halved). The field of view with the detector we used was nearly 1 cm horizontally (vertically limited 

by the height of beam at ~3.5 mm), which was the smallest field of view we could logistically use 

for future preclinical imaging of murine tumours. Overall, the detector pixel size we used has a 

better chance of being adopted for pre-clinical studies.   

Interestingly, we only observed a smaller signal with PVA-shelled MBs at 3-4 µm in diameter, 

compared to similar sized lipid-shelled MBs. We believe this is due to the shell thickness. PVA-

MBs have shells that are between 150-200 nm [74], which can become thicker after coating. In 

contrast, lipid-shelled MBs have a shell thickness of only 3 nm. The differences in shell thickness 

leads to less air being encapsulated in the core, and functionally smaller MBs which we were unable 

to detect.  It is possible that if the diameter of the PVA-MBs was increased to > 6 µm (inner 

diameter of > 4 µm) we would be able to detect them. In addition, coating with SPIONs did not 
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enhance signal intensity. Since the mechanism of light refraction relies on the changes of the  phase 

velocity of light in media having different refractive index [54] such as the gas core 

(perfluorobutane gas, air), the shell (lipid and polymer) and the surrounding biological fluid, we 

expected the addition of SPIONs would enhance phase contrast.  It could be that there were 

insufficient SPIONs on the MB, that the effect was negligible compared to the phase shift between 

the gas core and the surrounding body fluid, or that SPIONs result in more X-ray absorption instead 

of refraction. One of the by-products of electrostatically coated PVA-MBs with charged 

polymers/SPIONs was that they tended to form loose aggregates in solution.  When we allowed 

these clusters to form (both with and without SPIONs), we observed an increase in the number of 

MBs that we could detect. Here the enhanced signal was likely from the accumulation of the phase 

signal from multiple small MBs close to each other. This may be advantageous for future molecular 

imaging studies with targeted MBs, where the MBs will accumulate on vascular endothelial cells 

in the diseased tissue.  

Unsurprisingly, MB concentration had an effect on the phase contrast signal detected. In our study, 

the highest dose of MBs used was 5×107 MB/ml, which was 1-2 orders of magnitude lower than 

previous studies using MBs for phase sensitive techniques including PCI [88-90, 106], grating-

based interferometry [112, 113] and analyzer-based imaging [106]. This was a physiologically 

relevant dose used for preclinical ultrasound studies and is well tolerated by animals, with no 

negative health implications [114]. It was important for this study to determine the lowest 

detectable concentration. After intravenous injection, the half-life of MBs in the blood pool is a 

few minutes before they are cleared through the reticuloendothelial system [115]. Targeting MBs 

to proteins expressed on vascular endothelial cells in diseased tissues can allow them to bind and 

accumulate on the blood vessel for over 30 minutes [116]. In order to detect MBs in vivo using 

PCI, we would likely require a minimum concentration of 5×106 MB/ml in the diseased tissue. It 

will be interesting to determine if we can reach this concentration within a diseased tissue, and 

what initial dose of MBs would be required in combination with a reasonable detector pixel size 

and X-ray dose.  
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2.5.2 Limitation and future research directions 

We acknowledged that our study has certain limitations. First, our method to count the number of 

MBs in each sample was relatively subjective. MBs were counted by creating minimum intensity 

projections of 10 Z-stack images and automatically detecting them using ImageJ, then repeating 

for the entire sample. We found that 10 images gave an optimal number of MBs per projection for 

detection using ImageJ. It is possible that this is an underestimate of the number of MBs we could 

detect due to overlapping within the projection.  As MBs fell below the detectable range, the phase 

contrast signal was difficult to be distinguished from background noise, so the threshold values 

were chosen to accurately reflect what we observed in the images. Second, the clustering of charged 

PVA-MBs gave an interesting result, but is undesirable for an intravenous contrast agent. Clusters 

of MBs before injection can obstruct the blood flow and cannot circulate freely in the stream. 

Additionally, aggregation may also prevent uniform labeling of the PVA-MB surface with 

targeting agents for molecular imaging. Due to the performance of these MBs for PCI, it is unlikely 

that we would carry out in vivo studies using them. For reconstruction, we used a filtered back 

projection instead of a phase-retrieval algorithm. We purposefully opted this solely because 

through the process of phase retrieval the image becomes blurry (while the phase signal enhances) 

and we anticipated some borderline sized MBs (just under twice the effective pixel size) would 

become undetectable. However, for future in vivo studies where a cumulative signal from targeted 

MBs to tumour vasculature is desired, we aim to use phase retrieval for image reconstruction.  

2.6 Conclusion 

In conclusion, we performed a systematic analysis of how MB shell, size, and concentration affect 

phase contrast signal.  We observed that lipid-shell MBs greater than 4 µm, and ideally between 6-

10 µm, generated the most contrast and are a promising contrast agent for PCI. These MBs may be 

an optimal target for future molecular imaging studies using PCI, where they can be targeted and 

accumulate on blood vessels in diseased tissues. Moreover, we suggested that 5×106 MB/ml may 

be the lowest detectable concentration in the diseased tissue. While this approach is currently most 

appropriate for preclinical imaging studies that can combine PCI and anatomical imaging, there is 

potential for future clinical translations especially with grating interferometry approaches. 
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CHAPTER 3 

Developing a Microbubble-based Contrast Agent for  

Synchrotron Multiple-image Radiography 

 

Diffraction-enhanced imaging is a very sensitive X-ray phase contrast imaging technique based on 

a perfect crystal analyzer [50]. Benefits include the separation of apparent absorption and refraction 

contrast in two exposures [57]. By taking multiple images along the rocking curve instead of two 

images, one on each side of the rocking curve of the Bragg analyzer, a third image can be generated, 

an ultra-small-angle X-ray scattering image, revealing microstructures in soft tissues. This ultra-

small-angle X-ray scattering image is comparable to dark-field contrast in grating interferometry, 

which has been identified as having a  high probability of clinical translation [48]. My goal is to 

develop a contrast agent for this imaging approach based on ultrasound microbubbles that can 

potentially aid in clinical translation.  This chapter will be submitted as “Ngoc Ton, Una Goncin, 

Arash Panahifar, Adam Webb, Dean Chapman, Sheldon Wiebe, and Steven Machtaler, 2021, 

Developing a Microbubbles-based Contrast Agent for Synchrotron Multiple-image Radiography, 

IEEE Transaction on Biomedical Engineering”. 

 

3.1 Abstract  

Multiple-image radiography is an analyser-based X-ray phase contrast approach, generating high 

soft tissue contrast with a low absorbed radiation dose. Our goal is to develop a contrast agent for 

Multiple-image radiography using ultrasound microbubbles, by doing a systemic assessment of 

size, shell material, and concentration. Microbubbles were synthesized with two different shell 

materials: phospholipid and polyvinyl-alcohol. Polydisperse perfluorobutane-filled lipid 

microbubbles were divided into five size groups using centrifugation. Two distributions of air-

filled polymer microbubbles were generated: 2-3 µm and 3-4 µm. A subset of polymer 

microbubbles 3-4 µm were incorporated iron oxide nanoparticles into the shell or coated them over 

the surface. Microbubbles were immobilized in agar with different concentrations: 5×107, 5×106 

and 5×105 MBs/ml. Multiple-image radiography was conducted with the Biomedical Imaging and 

Therapy beamline at the Canadian Light Source. Three images were generated: absorption, 
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refraction and ultra-small-angle X-ray scattering (USAXS). The contrast signal was quantified by 

measuring mean pixel values in a region of interest in the images and comparing them with agar. 

No difference was detected in absorption or refraction images of all tested microbubbles. Using 

USAXS, we saw a significant increase in signal with lipid-MBs 6-10 µm at the highest 

concentration (p = 0.02), but no signal was observed at lower concentrations. These data indicate 

that lipid microbubbles 6-10 µm are candidates for Multiple-image radiography, best suited for 

USAXS, and 5×107 microbubbles per milliliter can be the minimum concentration to generate 

detectable scattering contrast. 

3.2 Introduction 

X-ray phase contrast imaging (XPC) is a radiology approach good at delineating weakly-absorbing 

objects [53]. This technique can detect the phase shift of X-rays passing through objects with varied 

refractive indices, creating refraction and scattering contrast [54]. Moreover, when XPC is 

performed at high X-ray energy, better quality images are produced with a comparable or reduced 

absorbed radiation dose [48]. A number of XPC techniques have been studied such as in-line phase 

imaging, analyser-based imaging, crystal interferometry, grating interferometry, and edge 

illumination imaging [53]. 

Diffraction-enhanced imaging (DEI) or analyser-based imaging is based on the diffraction of 

monochromatic source from a perfect crystal analyser [117]. The monochromatic X-ray beam is 

generated from white beam that is filtered by a fixed pair of silicon crystals called double-crystal 

monochromator [72]. After passing through the objects, the transmitted beam is diffracted by an 

analyser that is another silicon crystal adjusted at the Bragg angle relevant to the energy [72]. A 

bell-shaped rocking curve, whose full width at half maximum is a few micro-radians, describes the 

relationship between the deviated X-ray angles and intensity variations [72]. When the tunable 

analyser is completely aligned with the monochromator, only paralleled X-rays are accepted at 

what is called the top position of the rocking curve [53]. When the analyser is changed slightly in 

angle so the side of the rocking curve, the steep slope of the analyser curve will then convert the 

very small refraction angles created by the object into intensity variations in the detected image 

[91]. If small angle scatterings are larger than the rocking curve width (in miliradians), they are 

entirely blocked by the analyser [91]. Consequently, two images are yielded: a refraction image 
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excellent at outlining the borders of tissues and an apparent absorption image with extinction effect 

[118] that has higher contrast than normal radiograph [119]. Multiple Image Radiography (MIR) 

is an upgraded version of DEI since it can produce ultra-small-angle x-ray scattering, amend the 

errors in DEI and be more sturdy to noise [53, 117].  

Ultra-small-angle x-ray scattering (USAXS) is deviated photons with direction close to the initial 

beam with angles of a few microradians [120]. The object information obtained from USAXS is 

different from that of refraction, which may be necessary for diagnosis and histopathology [121]. 

USAXS occurs in microstructured components of tissues such as cartilage, tendon, ligament and 

muscles [122]. USAXS can enhance the contrast detected within dense tissue on foot heel and 

generate high contrast at tendon surfaces [117]. The pattern of USAXS is the identification of 

tissues, e.g., differentiating organized collagenous fiber (tendon) from loose connective tissue (fat) 

[123]. In breast tissue, USAXS accompanied with small-angle X-ray scattering (SAXS) that are 

scatterings with incident angles in miliradians [91] are able to distinguish invaded collagen from 

normal collagen [120]. USAXS is decomposed from MIR in a similar mechanism to dark-field 

imaging extracted in Talbot-Lau grating interferometry, but using a different experimental setup 

[112, 122]. However, in breast tumours, USAXS images only map the scattering properties and 

does not portray the morphology of the objects, requiring the combination of refraction images 

[112]. USAXS may need a contrast agent to provide thorough properties of objects. 

Microbubbles (MBs), known as an intravenous contrast agent of ultrasound [2], have been 

successfully used with analyser-based imaging and grating-based imaging [94, 105]. MBs whose 

diameters ranging from 1 to 10 micrometers are comprised of a gaseous core and a protective shell 

[2]. The core contains gas such as air, nitrogen, perfluorocarbon or sulfur-hexafluoride while the 

shell is made of biocompatible materials like lipids, proteins, sugar and polymers [2]. The shell can 

be attached iron oxide nanoparticles for contrast-enhanced multimodal imaging, or coupled with 

targeting ligands specific for interested receptors on vascular endothelium for molecular imaging 

[124]. MBs have been reported as a safe contrast medium in humans with no kidney, liver or nerve 

toxicity, where adverse reactions are uncommon and mild [2]. MBs are candidates for contrast 

enhancement in phase-sensitive techniques due to the refraction and scattering at the shell-gas-

interfaces of MBs [89, 102, 112]. Studies have investigated the improvement of contrast with MBs 
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smaller than the pixel size of the detector [91, 112, 113]. MB-based contrast media show a great 

potential for USAXS and dark-field imaging. 

The contrast of different MBs in USAXS and dark-field imaging has not been systematically 

determined [112]. It is not known how different MB construction parameters (including gas core, 

shell material, diameter, concentration, coating) affect scattering contrast [112]. Although MBs 

have been exploited as a contrast agent for DEI [102], there has been no research in developing a 

MB-based contrast medium for analyser-based USAXS. Therefore, we would like to know the 

optimal MB design for generating contrast with USAXS. 

3.3 Methods and Materials 

3.3.1 Synthesis and size isolation of lipid-shelled MBs 

Lipid shelled MBs were composed of two phospholipids: 1, 2-Distearoyl-sn-glycero-3-

phosphocholine (DSPC) (Avanti Polar Lipids, SigmaAldrich, USA) and 1, 2-distearoyl-sn-

glycero-3-phosphoethanolamine-N-[methoxy (polyethylene glycol)-2000] (DSPE-PEG2000) 

(Avanti Polar Lipids, SigmaAldrich, USA) with the ratio of 9:1. By evaporating chloroform from 

lipid suspension in a round bottom flask using an incubator oven and frequently stirring the lipids, 

a dry lipid film was formed. After that, the film was incubated in phosphate-buffered saline (PBS) 

solution at 650C for an hour and then quickly cooled on ice for 5 minutes. Next, the solution was 

sonicated by placing a tip of a sonicator (Fisher Scientific, USA) closely to the liquid surface. 

Perfluorobutane (Fluoromed, USA) was then introduced to the headspace while activating the 

sonicator’s amplitudes: 20% for 10 seconds and 50% for the next 30 seconds, resulting in 

polydisperse MBs. These multisized MBs were separated by size using differential centrifugation 

as previously described by Feshitan et al. (2009) [83]. The detailed method used in our study was 

presented in Ton et al. (2020) [125]. 

3.3.2 Synthesis and size isolation of polymer-shelled MBs 

Full hydrolyzed polyvinyl-alcohol (PVA) (20 g/L, SigmaAldrich, USA) was heated to 80oC in 

deionized water, then sodium metaperiodate (1.9 g/L, SigmaAldrich, USA) was added. The 

mixture was stirred at 80oC for an hour, then cooled to 22oC. The solution was then stirred 

vigorously at 8,000 RPM for 2 hours with either a Fisher Scientific 850 Homogenizer (Fisher 
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Scientific, USA) with a 35-mm probe, or IKA T25 digital Ultra Turrax (IKA, Germany) with a 25-

mm probe. PVA-MBs were synthesized by the two homogenizers had a narrow size dispersity: 2-

3 µm with the Fisher homogenizer, and 3-4 µm with the IKA homogenizer. Finally, PVA-MBs 

were collected by allowing them to float overnight in a stopcock glass funnel (10 L).  

3.3.3 Microbubble concentration and size distribution analysis 

Microbubble concentration was determined by counting 500 - 1000 MBs with a hemocytometer 

(Fisher Scientific, USA) in five randomly chosen images. These 40x images were captured by a 

Nikon Eclipse E600 microscope attached with a camera using ProgRes Capture Pro 2.10.01 

software (JENOPTIK Optical Systems GmbH). The area of each MB was then calculated using 

ImageJ (NIH, USA).  The mean diameter, standard deviation, and histograms were then computed 

with Excel software (Microsoft, USA). 

3.3.4 Synthesis of Superparamagnetic Iron Oxide Nanoparticles (SPIONs) 

Concentrated SPIONs solution: Firstly, 2 g of FeCl2.4H2O (SigmaAldrich, USA) and 5.4 g 

FeCl3.6H2O (SigmaAldrich, USA) were diluted in 50 ml water. Then, 5 ml of this solution was 

added to 15 ml deionized water, followed by 4 ml of concentrated ammonium hydroxide (28-30%, 

Fisher Chemical, USA) under constant stirring. Precipitated particles were washed with 10 ml 

deionized water 3 times by using magnets to collect the SPIONs, discarding the supernatant. After 

washing, 9 ml of citric acid buffer that was composed of 1.92 g citric acid (Fisher Chemical, USA) 

solubilized in 100 ml 0.1M hydrochloric acid (Fisher Chemical, USA) was added to the precipitated 

particles and stirred at 600C for 20 minutes. The solution was then washed with 10 ml deionized 

water several times until SPIONs were no longer precipitated on the magnets. The SPION solution 

was neutralized to pH 7 - pH 7.5 using the diluted ammonium hydroxide. 

SPIONs coating buffer: 200 µl of concentrated SPIONs was diluted 1:500 in deionized water, 

filtered through a 0.2 µm filter and read at 430 nm using a SpectraMAX 190 microplate reader 

with Softmax Pro software (Molecular Devices, Australia). Next, multiplying the absorbance by 

500 and then dividing it by 4.33, gave the dilution factor, e.g., 16.  SPIONs coating buffer was 

made by diluting concentrated SPIONs in 0.05 M sodium acetate solution with the dilution factor. 
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3.3.5 SPION addition to polyvinyl alcohol-shelled MBs 

SPION-integrated PVA-MBs: SPIONs were incorporated into the shell of PVA MBs with 3-4 µm 

in diameter by adding 10 ml of a concentrated SPION solution to 2 g/100 ml PVA during heating 

PVA in deionized water at 80oC [107]. PVA-MBs were then synthesized as previously described. 

SPION-coated PVA-MBs: Two different SPION-coated PVA-MBs were used in this study.  First, 

PVA-MBs coated with a single layer of SPIONs were generated using the Layer-by-Layer 

technique [108]. Briefly, approximately 1011 MBs were incubated with an aminoguanidine solution 

which consisted of 30 mg/ml aminoguanidine (SigmaAldrich, USA), 0.1 M HEPES (Fisher 

Chemical, USA), and adjusted to pH 8. PVA-MBs were incubated on a rotator for at least 3 days, 

resulting in a Zeta potential between +20 mV and +30 mV. PVA-MBs were then washed 4 times 

for 5 minutes in deionized water, and collected after centrifugation at 200 g for 5 minutes. Next, 

PVA-MBs were incubated in a negative-charged polymer solution containing polysodium 4-

styrene sulfonate (PSS) (2 g/L, Mw 70,000), (SigmaAldrich, USA) in 50 mM acetic acid and 0.2 

M NaCl (Fisher Chemical, USA), pH 5.6 for 2 days.  After washing, MBs were then coated with a 

positive-charged polymer, polyethyleneimine (PEI) (2 g/L, Mw 25,000), (Lupasol WF, BASF, 

Germany), in 50 mM acid acetic, 0.2 M NaCl, pH 5.6 for 2 days. Five polymer layers were repeated 

alternately: PSS, PEI, PSS, PEI, and PSS. Following the final polymer layer, PVA-MBs were 

incubated with polyallylamine hydrochloride (PAH: 1 g/L, Mw 15,000), (SigmaAldrich, USA) in 

50 mM acid acetic, 0.1 M NaCl and pH 5.6 for 2 days, followed by the negatively-charged SPIONs. 

Approximately 1 × 109 MBs in 12 ml deionized water were mixed with 2 ml SPIONs in 0.5 M 

acetate buffer, 0.1 M NaCl at pH 5.6. SPIONs were precipitating onto the MB surface by dripping 

NaCl slowly. SPION-coated MBs were incubated with the SPIONs buffer on a rotator (Fisher 

Scientific, USA) overnight and gathered by centrifuging at 70 g for 30 minutes. Finally, the SPION-

coated PVA-MBs were washed three times for 5 minutes, and coated with a final layer of PAH 

before imaging. 

3.3.6 Sample preparation and Multiple-image Radiography 

Three concentrations of MBs: 5×107, 5×106, and 5×105 MBs per ml were immobilized in 0.5% 

ultra-pure low melting-point, degassed agar (Invitrogen, USA) at 37oC immediately prior to 
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imaging. Microbubbles were dispensed uniformly in cuvettes (Fisher Scientific, USA) and 

refrigerated on ice. In total, 37 samples including the control – agar were tested (Figure 3.1a).  

Multiple Image Radiography was performed at the BMIT-BM beamline of the Canadian Light 

Source (Saskatoon, Canada). Monochromatic beam was generated from a Si (2, 2, 0) double crystal 

monochromator. The energy at 30 keV was approximately 100 mm wide and 4 mm high. The beam 

passed through ion chambers and a 0.8 mm aluminum filter before traversing objects that were 

placed on a scanning stage 0.55 m away to the analyzer. The transmitted beam behind the objects 

was diffracted by a silicon Bragg geometry analyzer Si (2, 2, 0). This crystal will diffract only those 

X-rays coming in a narrow range of rocking curve width, approximately 1 microradian (µrad). 

Full-width half maximum of the rocking curve was 7.71 µrads. The angles that X-rays were taken 

ranged from -8.13 µrad to 13.34 µrad with the increment of 1.65 µrad. The scanning time for these 

experiments was 300 ms for each image and 14 points were captured along 4 mm of the rocking 

curve. The surface dose for 14 points was 

76 mGray that meant approximately 5 

mGray per image. In reality, the beam 

remained on during the experiment, and 

we closed the shutters to remove and 

mount the samples, so the actual surface 

dose could be higher. The images were 

recorded on an X-ray SCMOS detector 

(Photonic Science, United Kingdom) with 

25.3 µm × 25.3 µm pixel size. Every 

image was a set of four cuvettes including 

one control sample (agar) and three 

samples of a MB parameter with different 

concentrations (Figure 3.1b). 

The MIR algorithm was utilized to 

reconstruct the images, resulting in a set of 

three images of absorption, refraction and USAXS for each sample. The contrast signal was 

Figure 3.1. Experimental overview. (a) Immobilization of microbubbles 

in low melting point agar. (b) Multiple Imaging Radiography set-up. (c) 

Imaging collection and analysis 
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assessed by 8-bit (0-255) mean pixel value (MPV) in USAXS images, measured in a rectangular 

area of 1.25 mm × 7.5 mm in the middle of scattering images, and averaged from six experimental 

repeats (Figure 3.1c).  

3.3.7 Statistical analysis 

IBM SPSS 25 software (version 25.0, IBM, USA) was used to analyze the data statistics. The 

significant differences in 8-bit mean pixel values (0-255) in Absorption, Refraction and USAXS 

were determined by Kruskal-Wallis and Bonferroni tests with p-value less than 0.05 [126].  

3.4 Results 

3.4.1 Microbubble synthesis and isolation 

Two types of MBs with different diameters, coatings and concentrations were generated to identify 

the best characteristics for MIR. Polydisperse lipid-MBs were produced and separated into five 

diameters: 1-1.8 µm (1.43 ± 0.45 µm), 1.2-2 µm (1.63 ± 0.49 µm), 2-4 µm (2.7 ± 0.76 µm), 4-6 

µm (5.07 ± 1.06 µm), and 6-10 µm (7.65 ± 2.18 µm) (Figure 3.2a, Table 3.1). Microbubbles 

composed of PVA shells with an air core were generated with two narrow distributions: Fisher 2-

3 µm (2.25 ± 0.49 µm) and IKA 3-4 µm (2.98 ± 0.85 µm). A subset of IKA-PVA-MBs were 

modified by incorporating SPIONs into the shell (3.00 ± 0.74 µm) or coating their surface with 

charged polymers (2.58 ± 0.5 µm) and SPIONs (1 layer of SPIONs: 4.13 ± 0.74 µm or 4 layers of 

Figure 3.2 Microscopic microbubbles before analysis. (a) Five size groups of lipid-shelled MBs. (b) Seven 

modifications of PVA-shelled MBs including metal addition. Scale bar: 10 µm 
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SPIONs: 4.61 ± 0.9 µm). PVA-MBs 

with 4 layers of SPION formed 

loose aggregates, so polymer-coated 

PVA-MBs that also formed loose 

aggregates (2.95 ± 0.97 µm) were 

added (Figure 3.2b, Table 3.1).  

3.4.2 Multiple-image 

Radiography of lipid-shelled MBs 

We obtained three images for each 

sample using MIR: Absorption, 

Refraction and USAXS (Figure 

3.3). There were no detectable 

differences in absorption or refraction images compared to agar control in any samples (Table 3.2, 

Table 3.3). Using USAXS, at the highest concentration, we observed a significant increase in MPV 

in one sample, lipid-MBs 6-10 µm in diameter (MPV = 184.09/255; p = 0.02, n = 6 repeats) (Figure 

3.4, Table 3.4). This change in contrast was concentration dependent, and no signal was observed 

at moderate and low concentrations (Figure 3.3 USAXS row, Table 3.5). We observed no change 

in MPV in any of the other MBs at any concentration (Figure 3.5, Table 3.5).  

Table 3.1 

Size distribution list of 12 tested microbubble types 

ID  Tested MB types Mean diameter ± SD 

1 Lipid-MBs 1-1.8 um   1.43 ± 0.45 µm 

2 Lipid-MBs 1.2-2 um   1.63 ± 0.49 µm 

3 Lipid-MBs 2-4 um  2.73 ± 0.76 µm 

4 Lipid-MBs 4-6 um 5.07 ± 1.06 µm 

5 Lipid-MBs 6-10 um 7.65 ± 2.18 µm 

6 Uncoated PVA-MBs 2-3 um 2.25 ± 0.49 µm 

7 Uncoated PVA-MBs 3-4 um 2.98 ± 0.85 µm 

8 Polymer-coated PVA-MBs 2.58 ± 0.50 µm 

9 Aggregated polymer-coated PVA-MBs 2.95 ± 0.97 µm 

10 SPION-integrated PVA-MBs 3.00 ± 0.74 µm 

11 1-layer SPION-coated 4.13 ± 0.74 µm 

12 4-layer SPION-coated PVA-MBs 4.61 ± 0.90 µm 

 

 

Figure 3.3. The absorption, refraction and USAXS contrast from lipid-MBs 6-10 µm in three concentrations. In 

the refraction image, a red arrow indicates the tested MBs while a yellow arrow shows droplets outside the 

cuvettes. Scale bar: 2 mm 
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3.5 Discussion 

We conducted a 

systematic analysis to 

determine what MB 

parameters resulted in 

the highest contrast 

using MIR imaging. We 

created MBs that varied 

in size, shell materials, 

shell coatings and 

concentrations. These 

MBs were imaged with 

MIR, mapping the 

absorption, refraction 

and USAXS properties 

of the samples. We 

found that lipid-MBs 6-10 µm in diameter, at a concentration of 5×107 MBs/ml, generated USAXS 

Table 3.2 

Independent sample Kruskal-Wallis tests of absorption within each concentration 

  
5×107  

MBs/ml 

5×106   

MBs/ml 

5×105 

MBs/ml 

Total N 78 78 78 

Test Statistic 14.883a 14.478a 13.344a 

Degree Of Freedom 12 12 12 

Asymptotic Sig.(2-sided test) 0.248 0.271 0.345 

a The test statistic is adjusted for ties. 

 

Table 3.3 

Independent sample Kruskal-Wallis tests of refraction within each concentration 

  
5×107  

MBs/ml 

5×106   

MBs/ml 

5×105 

MBs/ml 

Total N 78 78 78 

Test Statistic 18.804a 18.882a 19.948a 

Degree Of Freedom 12 12 12 

Asymptotic Sig.(2-sided test) 0.093 0.091 0.068 

a The test statistic is adjusted for ties. 

 

Figure 3.4 The quantitative mean pixel values of MBs on USAXS images at the high concentration. Compared 

with agar, only lipid-MBs 6-10 µm significant increased USXAS contrast with * indicating p = 0.02  
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contrast 

compared 

with agar. 

However, no 

changes in 

absorption or 

refraction 

were 

detected in 

any other 

samples.  

3.5.1 Impact 

of the size, 

shell 

materials 

and coatings on the 

properties of MBs 

Polymer-shell MBs 

were utilized as 

scattering-enhanced 

medium in our 

research due to their 

excellent stability and 

versatility. Since 

polymer MBs are 

synthesized by 

crosslinking polymer 

chains, they are thicker and more stable than other shell materials [74] with a long shelf life of 

several months [127]. The abundance of hydroxyl and aldehyde groups in the chemical structure 

also allows coupling of targeting agents for molecular imaging [87]. The addition of magnetic 

Table 3.4 

Pairwise comparison of mean pixel values in USAXS images  

at the concentration of 5×107 MBs/ml 

Sample 1-Sample 2 
Test 

Statistic 

Std. Test 

Statistic 
Sig. 

Adj. 

Sig.a 

Agar - Lipid-MBs 1-1.8 µm -1.000 -0.076 0.939 1.000 

Agar - Lipid-MBs 1.2-2 µm -7.167 -0.548 0.584 1.000 

Agar - Lipid-MBs 2-4 µm -16.667 -1.274 0.203 1.000 

Agar - Lipid-MBs 4-6 µm -24.333 -1.860 0.063 1.000 

Agar - Lipid-MBs 6-10 µm -47.833 -3.656 0.000 0.020 

Agar - Uncoated Fisher PVA-MBs  1.000 0.076 0.939 1.000 

Agar - Uncoated IKA PVA-MBs  -12.000 -0.917 0.359 1.000 

Agar - Polymer-coated PVA-MBs -10.500 -0.803 0.422 1.000 

Agar - Aggregated polymer-coated PVA-MBs -6.500 -0.497 0.619 1.000 

Agar - SPION-integrated PVA-MBs 9.333 0.713 0.476 1.000 

Agar - 1-layer SPION-coated PVA-MBs -15.333 -1.172 0.241 1.000 

Agar - 4-layer SPION-coated PVA-MBs -22.833 -1.745 0.081 1.000 
a Significance values have been adjusted by the Bonferroni correction for multiple tests. 

The significance level is .05. 

 

 

Figure 3.5. USXAS images of MBs at the high concentration, 5×107 MBs/ml. (a) 

The scattering intensity of lipid-MBs were compared with agar in which the largest 

MBs showed a detectable signal. (b) In comparison to agar, PVA-MBs did not 

enhance the contrast, even with the addition of SPIONs. Scale bar: 1 mm 
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nanoparticles into the 

polymeric MBs creates a 

multimodality contrast 

agent for ultrasound, 

magnetic resonance 

imaging, and potentially 

X-ray imaging [107]. 

Microbubbles with rigid 

polymer shell have been imaged previously in preclinical scattering-yielded studies. Polymer-

shelled MBs composed of polymethylmethacrylate were used to test the linearity of scattering 

property for MIR computed tomography at 18 keV [60]. These MBs with a mean diameter of 6.5 

µm in the range of 3-10 µm were encapsulated in a wedge-shape Lucite container (thickness: 0-12 

mm) with a concentration of 1 × 109 MBs/ml [60]. The scatter parameters had a significant linear 

fit to the sample thickness, suggesting the potential combination of computed tomography and 

multiple-image radiography [60]. Polydisperse copolymer-shelled MBs (Expancel) with a mean 

diameter of 9 µm that were made from acrylonitrile and vinylidene chloride were tracked in real 

time with generalized diffraction-enhanced imaging [92, 93]. They found that a higher MB 

concentration and sample thickness showed a wider scatter distribution with USAXS-based dark-

field imaging [92]. They also showed that it was feasible to monitor MB concentration flowing 

through a 4-mm diameter tube by using X-ray phase contrast imaging [93].  Polyvinyl alcohol-

shelled MBs labeled with iron oxide nanoparticles have also been imaged with grating-based X-

ray angiography. In this study,  4-layer SPION-coated MBs, similar to those used in our study, with 

a diameter of 5.5 ± 0.7 µm generated dark-field contrast  that was as comparable to iodine-based 

contrast agent in mouse carcass [95]. They also investigated concentration, imaging these MBs at 

a concentration of 5 × 109 MBs/ml (100%), 5 × 108 MBs/ml (10%) and 5 × 107 MBs/ml (1.3%). 

At high concentration there was obvious dark-field contrast although this high dose might not be 

tolerable to mice in vivo. At 10% concentration, the dark-field contrast decreased substantially and 

dropped to background noise at 1.3% concentration. Similar to our findings, we found no USAXS 

contrast with a concentration of 5 × 107 MBs/ml with polymer-shelled MBs. Nonetheless, a main 

concern of the translation of polymeric MBs into clinical setting is the distribution and degradation 

Table 3.5 

Independent sample Kruskal-Wallis tests of USAXS within each concentration 

  
5×107  

MBs/ml 

5×106   

MBs/ml 

5×105 

MBs/ml 

Total N 78 78 78 

Test Statistic 29.574a 6.234a 8.008a 

Degree Of Freedom 12 12 12 

Asymptotic Sig.(2-sided test) 0.003 0.904 0.784 

a The test statistic is adjusted for ties. 
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of PVA in the body. Although research on rodents showed a gradual elimination of PVA [128], 

adverse effects such as vascular thrombi and focal granulomas in rats were reported when injecting 

a 0.6 µl of 5 × 108 MBs/ml SPION PVA-MBs [108].  

We proposed lipid-shelled MBs as a contrast agent for MIR because of the flexibility in fabrication, 

the improvement in stability and the safety in humans. Lipid-shelled MBs are made from a uniform 

monolayer of phospholipid molecules connected loosely by weak physical forces [74]. Lipid 

combinations including targeting lipid agents can be easily constructed [81] with multiple synthesis 

techniques described in Stride and Edirisinghe (2008) [111]. Though lipid-shell MBs have not been 

previously explored for use with DEI, other shell materials have been widely utilized. The 

scattering contrast at the far slope of the rocking curve where the scatter photons dominate showed 

10 fold higher signal than the absorption contrast [91]. Sugar-shelled MBs (Levovist), had a better 

performance in scattering contrast than albumin-shelled MBs (Optison), with a higher signal-to-

noise ratio  [91, 105]. Sugar-MBs with a size distribution of 1 - 8 µm, and a mean diameter of 2.7 

µm, whereas 93% of albumin-MBs  were smaller than 10 µm with an average size of 2.0 - 4.5 µm 

[91, 105]. Both types of MBs had a concentration ranging between 5.0 - 8.0×108 MBs/ml [91, 105]. 

The authors stated that the contrast of Optison differed from that of Levovist because of the 

different MB sizes.  As can be seen, there are no uniform MB characteristics investigated including 

shell material, diameter, and concentration, leading to inconsistent findings on the efficacy of MBs 

in X-ray analyser-based imaging scattering contrast.  

Various MBs have been assessed with grating-based dark-field imaging. Verolyen et al. (2013) 

imaged phospholipid MBs with grating-based X-ray dark-field imaging, and they found that 

compared with albumin-shelled MBs, lipid-shelled MBs had significantly lower scattering contrast 

[94]. The authors used three types of MBs: SonoVue, Vevo MicroMarker and Optison. SonoVue 

that were sulfur-hexafluoride-filled lipid-MBs with a mean diameter of 2.5 µm, in which 90% 

smaller than 8 µm were provided with a concentration of 5 × 108 MBs/ml. Other lipid-MBs were 

Vevo MicroMarker whose diameter were 2.3 – 2.9 µm, encapsulated with nitrogen and 

perfluorobutane with a concentration of 2.9 × 109 MBs/ml. Optison were perflutren-filled MBs 

shelled with human serum albumin in a concentration of 5.0 – 8.0 × 108 MBs/ml with an average 

diameter of 3 - 4.5 µm. Although 95% of Optison were smaller than 10 µm, a maximum diameter 
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could reach 32 µm. Compared to lipid-MBs 3-4 µm used in our study which had no scattering 

contrast, these commercial MBs had broader size distributions, especially albumin-shelled MBs. 

and one to two orders of magnitude higher concentrations [94]. Therefore, if we utilized our similar 

size lipid-MBs at these concentrations, the scattering contrast would likely be detectable. The 

influence of MB features on the absorption and dark-field signal in grating-based imaging was later 

examined by Zhang et al. (2016) with polymer/albumin MBs [96]. However, the parameters of 

these MBs were different from those used in our study. The largest MBs they tested were 4 µm and 

their concentrations were high (6.4 × 108 MBs/ml – 3.95 × 109 MBs/ml) [96]. The size distribution 

of some MB groups in our study were larger than 4 µm and at lower concentrations (5 × 105 

MBs/ml – 5 × 107 MBs/ml). They also used nitrogen-filled MBs shelled with double layers of 

polymer and albumin, whereas we used perfluorobutane-filled lipid-MBs and air-filled polymer-

MBs [96]. The authors found that increasing the size of MBs can generate more contrast [96], 

which supports for our results that the USAXS was detectable in lipid-MBs 6-10 µm but not 

detectable in smaller MBs. The linearity of the signal and the concentration was displayed by 

constantly diluting two selected MB samples from a concentration of 7 × 108 MBs/ml to 1 × 108 

MBs/ml [96]. In our study, we could detect the USAXS signal from lipid MBs 6-10 µm at a high 

concentration, 5×107 MBs/ml, though no change in the signal was seen in lower concentrations, 

implicating that there would be a threshold of MB concentration required to generate measurable 

contrast. Moreover, the authors saw the increased contrast of double-layer shells compared to 

single-layer shells, but further increasing the shell thickness conversely decreased the contrast [96]. 

This finding suggests that the scattering contrast of MBs could be more enhanced with weakly-

absorbing shell materials such as phospholipid.  

Lipid MBs 6-10 µm possess characteristics to be a candidate contrast agent for USAXS and 

potentially dark-field imaging. Due to X-ray scattering, incident photons are refracted and scattered 

multiple times at the MB gas-shell interface [105]. MBs with larger diameter have larger surface 

areas, so more scattered X-rays would potentially be generated resulting in higher contrast. Lipid 

shells, approximately 3 nm, are also thinner than albumin shells (15-20 nm) and polymer shells 

(100-200 nm) [74], so with an equivalent size, MBs made from lipid shells can also contain a 

greater gas capacity. Lipid shells have weak absorbance of radiation and high adaptability in 

chemical structures [74], advantageous to control the shell thickness. As new techniques are being 
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developed to create homogenous distributions of lipid MBs, this may also help to reduce the dose 

of contrast agents used in vivo. USAXS signal is strongly affected by MBs size, shell thickness, 

and uniformity; therefore, we believe that lipid-shelled MBs 6-10 µm would be a potential contrast 

agent to generate both an X-ray scattering and dark-field signal. 

3.5.2 Limitations and future research directions 

We recognized that our study has some limitations. We attempted to simulate ideal conditions for 

MBs to generate the best contrast. We first had to immobilize MBs in a low concentration of agar 

to prevent movement to allow us to find out how MB parameters affect USAXS contrast, but in 

vivo, this result will not be possible. This imaging approach is also sensitive to motion, and it is 

unclear how well MIR can translate in vivo. This approach, however, might be well suited to 

molecular imaging, where targeting and immobilizing MBs on the surface of vascular endothelial 

cells may create a similar and immobilized environment.   

In the future, we would like to assess lipid MBs 6-10 µm in diameter on a clinically relevant 

imaging system, e.g. grating interferometry and edge illumination. An analyzer-based method can 

be utilized with laboratory X-ray tube, but it may be not be practical in clinical practice. Using a 

grating-based approach, properties such as sensitivity, exposure time, radiation dose, field of view 

and the stability of the systems to environment disturbances need to be assessed. For example, the 

large field of view and three-image production are the advantages of grating-based technique, 

whereas one of its main limitations is the high radiation dose. It is unknown if a contrast image 

could be generated with a clinically acceptable radiation dose. 

3.6 Conclusion 

These data suggest that with the minimum concentration of 5×107 MBs/ml, lipid-shelled MBs 

larger than 6-10 µm are a candidate for MIR X-ray phase contrast of breast cancer. With MIR, the 

size, shell material and narrow distribution of MBs possibly play a key role in X-ray scattering, 

whereas shell coating with iron oxide nanoparticles may have less impact. 
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CHAPTER 4 

Developing a Microbubbles-based Contrast Agents for Magnetic Resonance Imaging 

4.1 Abstract 

Magnetic resonance imaging (MRI) is a non-radiation and non-invasive imaging approach that is 

excellent at visualizing soft tissues. Current MRI contrast agents are predominantly based on 

gadolinium; however, there is still concern about its accumulation and toxicity. Therefore, we 

aimed to develop a contrast material based on SPIONs for detecting breast cancer at early stages. 

There have been two different approaches to attach SPIONs to polymer-shell MBs: SPION-coated 

and SPION-integrated MBs. My goal is to compare these methods and determine which approach 

results in the optimal MB detection in T2-weighted MRI. Multiple concentrations of SPION-

integrated MBs and SPION-coated MBs were immobilized with ultra-pure low melting point 

degassed agar in 1.5 ml tubes. SPION-MBs were then imaged in axial plane using 3 Tesla Siemens 

MRI scanner, generating 30 slices within 2 mm of the middle of the sample. The repetition time 

was 870 ms, and the echo time was 19.9 ms. The signal intensity was identified in 70 mm2 circular 

ROI and measured the mean pixel value in 8-bit grayscale (0-255). We imaged SPION-coated MBs 

(1 and 2 layers) and SPION-integrated MBs (low and high levels of integration) at two different 

concentrations and found that all tested MBs generated T2 contrast. For both types of SPION-

coated MBs, the differences among the concentrations ranging from 25 µl - 200 µl were not 

detectable. No change in the signal was seen from the SPION-integrated MBs compared to the 

positive controls (agar and plain PVA-MBs), except for the highest concentration, 108 MBs/ml. 

The lowest number of MBs that would be detected contrast enhancement in mice with diseased 

tissue was 5 × 105 MBs/ml.   

4.2 Introduction 

Magnetic resonance imaging (MRI) is a non-radiation and non-invasive imaging approach that is 

excellent at visualizing soft tissue [129]. It has been useful for imaging patients with an increased 

cancer risk and breast density, where it can detect breast lesions missed by mammography and 

ultrasound [38]. Although MRI is a beneficial imaging modality to detect breast cancer, it is still 

an anatomical imaging modality, where disease detection is based on anatomical appearance. 
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Current MRI contrast agents are predominantly based on gadolinium (Gd) [130]. Gadolinium 

reduces T1 relaxation time, enhancing signal intensity on a T1-weighted MRI [130]. It is inherently 

toxic and is linked to molecules that decrease its toxicity; nonetheless, there is still concern about 

the accumulation and toxicity of free Gd [130]. There is an increasing interest in Gd alternatives 

based on superparamagnetic iron oxide nanoparticles (SPIONs). Iron oxide nanoparticles are 

considered a safe MRI contrast agent, used in liver imaging and lymph node metastasis staging 

[129]. These contrast agents shorten the spin-spin T2 relaxation time of tissue fluid, creating 

negative contrast on T2-weighted images [129]. Different from Gd, iron is an intrinsic body 

element with low toxicity, so SPIONs can be recycled, stored and released later for the iron needs 

of the body by macrophages [129]. Therefore, we aimed to develop a contrast material based on 

SPIONs for detecting breast cancer at early stages. 

Ultrasound gas-filled microbubbles (MBs) are a promising blood pool contrast agent. 

Microbubbles can be composed of various shell material such as protein, sugar, lipid and polymer 

[2]. Protein-shelled MBs were one of the first MBs used for ultrasound; however, their shells that 

are made from cross-linked albumin are stiffer and more likely to break under pressure [111]. 

Sugar-shelled MBs, which are based on galactose microcrystals and palmitic acid, have a better 

balance between stiffness and stability [111]. Nonetheless, lipid-shelled MBs are more stable and 

flexible since loose covalent bonds in their structures allow them to compress and expand with 

acoustic waves [111]. Most MBs currently used in research and clinical ultrasound are composed 

of lipid shell, but they are still short-lived in the blood pool [111]. After administration, the lifetime 

of MBs ranges from a few minutes up to 30 minutes depending on MB designs [131]. Polymer-

shelled MBs have also been tested due to their excellent stability [132]. Although the shell of 

polymer MBs are thicker and stiffer, restricting the MB backscattering to ultrasound waves [111], 

their firmness allows us to perform conditions that may damage MBs made from other shell 

materials such as loading with iron nanoparticles [107]. 
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There are two different types of combination of SPIONs and MBs: physically embedding iron 

oxide nanoparticles into the polymer matrix (SPION-integrated MBs) and chemically coating 

SPIONs over the surface (SPION-coated MBs) [107]. SPION-integrated MBs can be synthesized 

by simply adding SPIONs once during high-shear stirring of PVA solution thanks to the favorable 

interactions between iron oxide nanoparticles and PVA [107]. This method is straightforward, but 

the number of iron nanoparticles embedded in the polymer matrix is limited. On the other hand, 

SPION-coated MBs can be fabricated by using electrostatic interaction called the layer-by-layer 

technique that the multilayer shell is formed by depositing alternating layers of oppositely charged 

polymers with wash steps in between [108]. Compared with SPION-integrated MBs, the coating 

method allows us to adhere to a larger amount of SPIONs and to control the shell thickness [133]. 

With the same type, size, and amount of nanoparticles, SPION-coated MBs show an improved 

enhancement in ultrasound and MRI due to their higher flexibility [134]. Furthermore, they have 

higher uptake by the cells and contain more carboxyl groups for binding targeting ligands than 

SPION-integrated MBs [135]. Nonetheless, SPION-coated MBs require more work with multiple 

steps of incubating and washing [108], and it is challenging to prevent their aggregation when 

coating multiple layers with differently charged polyelectrolytes [136]. These SPION-MBs have 

been used as contrast agents for MRI, but what we do not know is the minimum detectable amount 

for each type of SPION-loaded MBs. My goal is to compare these methods of adhering SPIONS 

Figure 4.1 Two methods of adhering superparamagnetic iron oxide nanoparticles to the polymer shell of 

microbubbles: coating over the surface and integrating into the polymer matrix 
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onto/into MB shells and to determine which approach results in the optimal MB detection in T2-

weighted MRI, with the future goal of using these for targeted breast cancer imaging (Figure 4.1).  

4.2 Methods and Materials 

4.2.1 Synthesis and size isolation of polymer-shelled MBs 

Hydrolyzed polyvinyl-alcohol (PVA) (20 g/L, SigmaAldrich, USA) was heated to 80oC in 

deionized water. Once temperature had been reached, sodium metaperiodate (1.9 g/L, 

SigmaAldrich, USA) was added. The suspension was stirred at 80oC for one hour, then cooled 

down to 22oC. The solution was then stirred robustly at 8,000 RPM for two hours by an IKA T25 

digital Ultra Turrax homogenizer (IKA, Germany) to produce monodisperse PVA-MBs, 3-4 µm. 

Finally, PVA-MBs were collected by letting them float overnight in a stopcock glass funnel (1 L). 

The method used in our study was presented in Ton et al. (2020) [125]. 

4.2.2 Synthesis of Superparamagnetic Iron Oxide Nanoparticles (SPIONs) 

Concentrated SPIONs solution: 2 g of ferrous chloride tetrahydrate (SigmaAldrich, USA) and 5.4 

g of ferric chloride hexahydrate (SigmaAldrich, USA) were diluted in 50 ml water. Then, 5 ml of 

this solution was added to 15 ml deionized water, followed by 4 ml of concentrated ammonium 

hydroxide (28-30%, Fisher Chemical, USA) under constant stirring to create precipitated particles. 

Next, 9 ml of citric acid buffer that was composed of 1.92 g citric acid (Fisher Chemical, USA) 

and 100 ml 0.1M hydrochloric acid (Fisher Chemical, USA) was added to the precipitated particles 

and stirred at 60oC for 20 minutes. The SPION solution was then neutralized by ammonium 

hydroxide to pH 7 – pH 7.5. 

SPIONs coating buffer: 200 µl of concentrated SPIONs were diluted 1:500 in deionized water, 

filtered through a 0.2 µm filter and read at 430 nm using a SpectraMAX 190 microplate reader 

with Softmax Pro software (Molecular Devices, Australia). Next, multiplying the absorbance by 

500 and then dividing it by 4.33, gave the dilution factor, e.g., 16. SPIONs coating buffer was made 

by diluting concentrated SPIONs in 0.05 M sodium acetate solution with the dilution factor as 

described in Chapter 2 and Ton et al. (2020) [125].  
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4.2.3 SPION addition to polyvinyl alcohol-shelled MBs 

SPION-integrated PVA-MBs: SPIONs were integrated into the shell of PVA MBs by adding 10 ml 

of a concentrated SPION solution to 2 g/100 ml PVA during heating PVA in deionized water at 

80oC [107].  

SPION-coated PVA-MBs: PVA-MBs coated with a single layer of SPIONs were generated using 

the layer-by-layer technique [108]. The method was described previously in Chapter 2 and Ton et 

al. (2020) [125]. 

4.2.4 Sample preparation 

Multiple concentrations of SPION-integrated MBs and SPION-coated MBs were immobilized with 

ultra-pure low melting point degassed agar in 1.5 ml tubes. The phantom was a cylindrical plastic 

container with 600 ml degassed agarose 10% (Fig 4.2). Eight tubes containing three controls and 

five samples were inserted into the solidified agar for each imaging run. The positive control was 

10% volume of SPIONs while the negative control samples were plain PVA-MBs and agar.  

In the first trial, we utilized 1-layer SPION-coated MBs, 2-layer SPION-coated MBs, 1x SPION-

integrated MBs, and 5x SPION-integrated MBs. Synthesis of SPION-coated PVA MBs was 

described in Chapter 2. At this point in our MB synthesis paradigm, we were still working on 

preventing aggregation of SPION-coated MBs; therefore, we used volume for measurement instead 

of number concentration.  

In the second trial, we had optimized our technique for preventing aggregation and were able to 

count MBs. We included 1-layer SPION-coated MBs, 3-layer SPION-coated MBs, and 1x SPION-

integrated MBs with concentrations between 104 MBs/ml to 108 MBs/ml.  

4.2.5 MRI imaging 

SPION-MBs were imaged in axial plane using 3 Tesla Siemens Scanner in Medical Imaging 

Department of Royal University Hospital located at University of Saskatchewan. The phantom was 

stabilized in the middle of a 4-channel head coil. T2 weighted two-dimensional fast low angle shot 

for hemosiderin detection (T2_FL2D_AX_HEMO_P2) was conducted. Each image was 30 slices 

(2 mm step size) for 6 minutes per run using two signal averages. The field of view was 250 mm 
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× 250 mm and the pixel size was 1 mm × 1 mm. T2 weighted sequence had the repetition time of 

870 ms, and the echo time of 19.9 ms. 

4.2.6 Data analysis 

One slice was chosen from the center of the samples where the diameter of the tubes was the largest. 

The signal intensity was identified by placing 70 mm2 circular ROI within the tube area of each 

sample and measuring the mean pixel value in 8-bit grayscale (0-255). The standard deviations and 

illustrating charts were conducted in Excel. 

4.3 Results 

Our goal was to determine if we could: 1) detect SPION-coated/integrated MBs with T2-weighted 

imaging and 2) how many SPION-MBs were required to achieve a signal. We first imaged SPION-

coated MBs (1 and 2 layers) and SPION-integrated MBs (low and high levels of integration) at two 

different concentrations. We found that all tested MBs generated T2 contrast (goes from light to 

dark) (Figure 4.3). 

We then wanted to know what would be the best MB design for SPION coating/integration for 

future in vivo imaging experiments. We compared MBs with SPIONs integrated into their shells, 

MBs with 1 layer of SPIONs and MBs with 4 layers of SPIONs. These MBs were imaged at same 

Figure 4.2 One layer SPION-coated PVA-MBs embedded in agar with concentration from 108 MBs/ml 

downward to 104 MBs/ml. 
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concentrations. At the time we were synthesizing the coated MBs we were having problems with 

aggregation, making counting MBs challenging, so we based these on a volume doing our best to 

use similar numbers of MBs in all three samples. For both types of SPION-coated MBs, we could 

not measure differences among the concentrations ranging from 25 µl - 200 µl since their signals 

were too strong. No change in the signal was seen from the SPION-integrated MBs compared to 

the negative controls (agar and plain PVA-MBs) except for the highest concentration, 108 MBs/ml 

(Figure 4.3). Therefore, we focused on the 1-layer SPION-coated MBs due to the ease of synthesis. 

We next wanted to determine what the lowest detectable number of MBs would be. I performed a 

serial dilution of 1-layer coated MBs and measured with T2-weighted imaging (Figure 4.4). After 

analyzing the change in contrast, we can detect 5 × 105 MBs/ml (Figure 4.5, Figure 4.6).  This is 

much lower than our expected dose (5 × 108 MBs/ml) to mice, suggesting that there is a high 

likelihood of being able to detect contrast enhancement in mice with diseased tissue. 

 

 

 

Figure 4.3  T2 sequence of one-layer SPION-coated, two-layer SPION-coated, 1x SPION-integrated PVA-MBs, 

and 5x SPION-integrated PVA-MBs in MRI images with controls (agar, plain PVA-MBs and 50 µl Vol. SPIONs). 

Courtesy of Una Goncin. 
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Figure 4.5  T2 sequence of one layer SPION-coated PVA-MBs in MRI images with controls (agar, plain PVA-

MBs and 10% Vol. SPIONs) and multiple concentration in clockwise orders: a) 1×106 - 1×108 MBs/ml, b) 1×104 

- 1×106 MBs/ml, c) 3×106 - 5×106 MBs/ml, d) 1×106 - 3×106 MBs/ml, and e) 0.5×106 - 1.5×106 MBs/ml. 

 

Figure 4.4 T2 sequence of one-layer SPION-coated, three-layer SPION-coated, and 1x SPION-integrated PVA-

MBs in MRI images with multiple volume and number concentrations. Courtesy of Una Goncin. 
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4.4 Discussion 

We conducted an experiment to determine whether we can detect T2-weighted MRI contrast with 

SPION-MBs and what is the lowest SPION-MB concentration that could show the signal. We 

created SPION-integrated and SPION-coated MBs that varied in concentrations, and these MBs 

were imaged with T2-weighted MRI. We found that the signal of SPION-coated MBs were robust, 

whereas no change in signal was seen from SPION-integrated MBs. With a main focus on 1-layer 

SPION-coated MBs, we identified that 5 × 105 MBs/ml might be the minimum concentration of 

MBs that can be detected by T2-MRI. 

In our study, SPION-coated MBs generated higher contrast than SPION-integrated MBs. These 

data are consistent with previous reports showing that microbubbles coated with SPIONs provided 

the strongest T2*-weighted MRI contrast compared to integrated MBs[132]. In this study, the mass 

of SPIONs was greater than the coated MBs, yet the coated MBs generated the highest MRI 

contrast. This may be due to the interaction between PVA and the SPIONs changing the 

superparamagnetic properties of the particles. In our study, the integrated MBs appeared to be 

lower in the amount of SPIONs compared to the coated ones based on the color of the MBs 

themselves, but we were not able to quantify it.   

Figure 4.6 A decrease in mean pixel values of one layer SPION-coated PVA-MBs in T2 relaxation signal with 

increasing concentrations.  
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Microbubbles coated with 4 layers of SPIONs have been used preclinically to understand 

biodistribution in rats using T2*-weighted MRI. There were no signs of necrosis, inflammation or 

fibrosis in the liver and spleen [108]. We found it interesting that there was very little change in 

MRI contrast with MBs containing different layers of SPIONs (1 or 4 layers). Though we would 

likely notice a difference at very low concentrations, it appears as though there is still a large 

enough number of SPIONs on each single coated MB to generate a large signal (Figure 4.4). 

Therefore, in future studies we would be interested in determining what the lowest concentration 

of one-layer SPION-coated MBs we can detect in vivo. 

4.5 Conclusion 

These SPION-MBs have been widely used as contrast agents for MRI, and we would like to 

identify the lowest detectable amount for each type of SPION-MBs. After comparing these 

methods of adhering SPIONS onto/into MB shells, we found that a single SPION-layer provided 

sufficient MRI contrast to be clinically useful, with the future direction of employing these MBs 

for targeted breast cancer imaging. 
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CHAPTER 5 

 Discussion 

5.1 The importance of the study in the field 

The main goal of this study was to develop a contrast agent for the emerging medical imaging 

modality of phase contrast imaging. Though it may not be feasible in future clinical implementation 

to image patients with synchrotron radiation, there are other approaches that could take advantage 

of this work. 

Talbot-Lau grating interferometry has been coupled with mammography into a breast imaging 

method that is promising to be clinically implemented [63]. With the capability to generate 

scattering in dark-field imaging ex vivo, MBs are a potential contrast agent for grating 

interferometry mammography [63]. Dark-field has potential to distinguish multiple types of 

calcification, which would be a non-invasive method to discriminate the microcalcifications related 

to malignant lesions and those of benign lesions [63]. Grating interferometry can be also performed 

with conventional X-ray tubes and large field of view (up to several centimeters) [54]. This 

approach does not require spatial or temporal coherence beam and can generate large field of view 

[62]. Nevertheless, high radiation dose, low mechanical stability, and long exposure time are its 

limitations [50]. Therefore, I utilized in-line phase contrast and multiple-image radiography 

approaches which create contrast based on refraction and scattering. These techniques greatly 

improve the sharpness of boundaries and reveal micro-structured tissues that are not easily 

detectable using conventional absorption-based X-rays [54]. The resolution of X-ray images can 

be significantly improved in soft tissues such as joints, ligaments, and breasts [48, 122, 123]. In 

addition, X-ray phase contrast decreases gradually with the increase of energy, so it could be 

conducted at high energy that can reduce the absorbed radiation dose. The absorbed radiation when 

diffraction-enhanced imaging was performed at 50 keV was almost 10 times less than that 

conducted at 25-30 keV [67]. Since radiation is one of the main limitations of conventional X-rays, 

reduced absorption dose may encourage more researchers to explore X-ray phase contrast imaging 

in biomedical imaging. 
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Though there are clinical systems emerging in the market that are based on phase contrast imaging, 

what is really needed is a safe contrast agent that can be used to highlight diseased tissues. 

Microbubbles are usually referred to ultrasound contrast agents, similar to iodine mentioned as X-

ray contrast agents or gadolinium known in MRI. However, the usage of high atomic number 

elements has raised some concerns about safety in human body [130]. Iodine can cause some mild 

reactions such as skin eruption or more severe reactions such as renal impairment and anaphylactic 

reactions [130]. The usage of gadolinium may involve serious side effects such as fibrosis of skin, 

joints, eyes and internal organs, especially nephrogenic systemic fibrosis although it was only 

found in patients with kidney disease [130]. Microbubbles have been widely used as ultrasound 

contrast agents with good safety records in human with mild/no adverse reactions [2]. 

Microbubbles with biocompatible composition would be a preferred option. Especially, the gas 

content provides MBs the ability to maximize the X-ray refraction and scattering [105].  

Finally, I tested multiple parameters of MBs such as shell material, coating and size to find out the 

optimal MB composition that gives the highest contrast. There have been multiple studies that have 

investigated microbubbles and X-ray phase contrast imaging, but they share a commonality, using 

a wide MB size distribution [89, 91, 97, 105].  Comparing these data to previous studies in X-ray 

phase contrast imaging, the major contributor to contrast in those studies was likely from larger 

MBs, which account for only a small percentage of the total MB population. This means that 

relatively high concentrations of MBs are required to acquire signal. Consistent with this, the 

concentration in these studies ranged from (5 × 108 MBs/ml to 5 × 109 MBs/ml), which is much 

higher than what I used in this study.  I wanted to see if a clinically relevant dose could be used to 

generate contrast, and I tested below what is generally administered to humans. It remains to be 

seen if we can reach these concentrations in vivo. There were no uniform characteristics in MBs 

investigated including compositions and sizes in these studies, leading to the inconsistent findings 

on the efficacy of MBs. What our study addresses is identifying not only the optimal construction, 

but also the size, so we can create a MB contrast agent that can be detected at a concentration 

suitable for clinical imaging.  Based on our data, lipid-shelled microbubbles, with a narrow and 

uniform size can be used to generate contrast.  
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5.2 Findings that support the clinical implementation 

Our results with ultra-small-angle X-ray scattering in multiple-image radiography can be further 

developed for clinical dark-field imaging because it shares a similar scattering-yielded mechanism. 

The term “dark-field imaging” is usually referred to one of three images extracted from grating 

interferometry, besides absorption and differential phase [50, 53]. Grating interferometry is a phase 

contrast approach using Talbot-Lau gratings located between the objects and the detector to create 

periodic variations of X-ray phase [50]. However, dark-field imaging should be broadly understood 

as a technique detecting sub-pixel sample structures based on the small-angle and/or ultra-small-

angle scatterings [137]. Therefore, dark-field was mentioned as small-angle scatterings that reduce 

the amplitude of the stepping curve in Yaroshenko et al. (2014) [138] or defined as ultra-small 

angle X-ray scatterings from multiple refraction of microstructures in the objects in Willer et al. 

(2018) [139]. In the same vein, USAXS is not only generated from symmetric Bragg-case analyzer 

[58, 60], it can also be extracted from other techniques including asymmetric Bragg-case 

transmission analyzer [140], Laue-case analyzer [121], and grating interferometry [94, 95, 141]. 

Among these approaches, grating interferometry is a promising technique for clinical translation 

since it can be performed with conventional X-ray tubes [50]. 

Microbubbles can be targeted to vascular markers of disease for X-ray phase contrast molecular 

imaging. Microbubbles can be targeted to specific proteins expressed on blood vessels in diseased 

tissues.  MB targeting is accomplished by functionalizing the shell of microbubbles, allowing them 

to be labeled with targeting agents that specifically bind to a protein of interest [124]. These 

targeting agents can be antibodies, antibody fragments, peptides, or carbohydrates that permit the 

binding of microbubbles to proteins of interest [81].  

Recently, angiogenesis has been an emerging approach to detect cancer. Angiogenesis is 

establishment of new blood vessels to support tumour growth [142, 143], and is an early sign of 

many development stages of tumor invasion. Once a tumour grows beyond 0.2 to 2 mm, it uses up 

all of the available oxygen and nutrients. These cells then release growth factors that simulate 

angiogenesis to rescue this deficit, a process known as the angiogenic switch [144]. In healthy 

humans, angiogenesis is only activated in the case of wound healing or female menstruation, 
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whereas the angiogenesis program is constantly triggered in tumor development; therefore, it is 

considered one of the hallmarks of cancer [143].  

Many molecular imaging modalities can assess angiogenesis through imaging expression of 

VEGFR2 (a key angiogenesis receptor expressed on endothelial cells) with targeted contrast agents 

such as VGEFR2-targeted microbubbles (MBs) [36]. VEGFR2-targeted MBs (BR55) and 

ultrasound imaging has been used to describe VEGFR2 expression in different types of breast 

cancers [145, 146] and has been able to detect very small tumours (2 mm in diameter) [147]. A 

first trial in humans with breast and ovarian cancers supported BR55 microbubbles as a safe and 

feasible contrast agent for molecular ultrasound imaging [116]. Compared with pathology results, 

the expression of VEGFR2 and BR55 ultrasound signal matched in 93% of breast cancer and 85% 

of ovarian cancer [116]. BR55 MBs can display targeted signals in 7 minutes and last over 17 

minutes on average, which is promising for future imaging applications [116]. This approach may 

also lend itself well to USAXS and dark-field imaging of breast tumours. 

We defined the lowest detectable concentration that suggests a clinically relevant dose for later 

contrast-enhanced X-ray phase contrast imaging. In our study, the highest dose of MBs used was 

5×107 MB/ml, which was 1-2 orders of magnitude lower than previous studies using MBs for phase 

sensitive techniques including PCI [88-90, 106], grating-based interferometry [112, 113] and 

analyzer-based imaging [89]. This was a physiologically relevant dose used for preclinical 

ultrasound studies and is well tolerated by animals, with no negative health implications [114]. It 

was important for this study to determine the lowest detectable concentration. In human, perflutren-

filled lipid-MBs (Definity) are used with a recommended bolus injection of 10 µl/kg for ultrasound 

imaging within 30-60 seconds [148]. After injection, the duration of clinical ultrasound imaging 

contrast enhancement was approximately 3.4 minutes, and a second dose may be required in 30 

minutes after the first administration [85]. For ultrasound imaging, this is an acceptable dose that 

does not create artifacts, but can be safely increased up to 250 times higher [149]. It would be 

necessary to determine the minimum concentration in mouse models that can be detected, which 

is a further step to move forward to human trials. 
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5.3 Limitations and future directions 

We acknowledge that the X-ray phase imaging methods used in our study have certain limitations. 

With in-line phase contrast, since this technique uses detectors with pixel size in the few micron 

range, it has a small field of view [54]. Moreover, it requires a highly spatial coherent X-ray beam 

[50], so the scanning time may be too long to be clinically applicable [55]. On the other hand, 

although diffraction-enhanced imaging or multiple-image radiography is a very sensitive imaging 

technique, the setup is complicated and sensitive to small vibration and other instabilities [50].  

Another limiting factor in this study is the limited availability of synchrotron facilities. However, 

there are alternative approaches that can be used to generate X-ray phase shift. For example, in-

line phase imaging technique can be conducted with cone-beam and partially coherent 

polychromatic X-ray from microfocal tubes [50, 53] or diffraction-enhanced imaging could be 

performed with a tungsten X-ray tubes [61]. Also, either grating interferometry or edge 

illumination can be performed with conventional X-ray tubes [54, 55].  

In the future, my goal would be to assess MBs on a clinically relevant imaging system, e.g. grating 

interferometry. I would like to experimentally compare the dark-field images of optimal 

microbubbles generated by either multiple-image radiography or by Talbot-Lau grating 

interferometry with two X-ray sources: synchrotron beam and laboratory tube. The availability, 

large field of view and three-image yielded are the strengths of grating-based setup that would 

promote the benefit of X-ray phase contrast imaging; however, high radiation dose may be the 

limitation of this technique. Therefore, to determine the lowest radiation dose to create the dark-

field imaging is also a necessary step to help this process moving toward the clinical translation. 

Another research avenue is that the best MB composition can be modified with antibody targeting 

at proteins expressed in cancer-associated blood vessels, e.g. VEGFR2. These targeted-MBs would 

be injected in animal model such as mice with a clinically relevant dose to observe the 

biodistribution of MBs in vivo. Whether we can detect the signal at that MB concentration and how 

long the contrast enhancement would last are interesting questions we would like to determine. 

Targeted-MBs would be an advanced tool for multiple molecular imaging applications such as 

theranostics that is the usage of a label marker to identify the tumor (diagnostics) and a second 

ligand to deliver the drug to treat the tumor (therapeutics). We expect that the combination of a 

versatile imaging probe (grating-based X-ray phase contrast imaging) and a multifunctional 
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contrast agent (targeted MBs) would be a promising approach to screen and treat breast cancer 

efficiently, especially in high-risk population including women with dense breast tissues. 

5.4 Preliminary results of SPION-MBs with MRI 

Though microbubbles coated with SPIONS did not generate significant XPC contrast, we did see 

significant changes in T2 MRI contrast. The high number of SPIONs were shown increase the MRI 

contrast, but it would limit the ultrasound contrast due to low flexibility [132]. However, SPION-

coated PVA-MBs with a 29% SPION density have been found to be the optimal contrast agents 

[132]. Similarly, with the same MB parameters: shell materials, size, and numbers of SPIONS, 

SPION-coated MBs have been showed to maintain the magnetic quality better than SPION-

integrated MBs [134]. In my research, SPION-coated MBs gave the best results, and one layer of 

coated SPIONs would be the preference due to the ease in fabrication.  

The lowest concentration of one-layer SPION-coated MBs (5×105 MBs/ml) that was detectable by 

T2-MRI in my research was considerably lower than those used in other studies. Those initial 

concentrations were around 5×108 MBs/ml to 1×109 MBs/ml, and the volume of a bolus was 

approximately 200 µl - 600 µl [108, 135]. Therefore, with an average mouse with a blood volume 

of 2 ml, 1×108 MBs/ml per mouse was the common concentration injected in several research in 

vivo, which is 200 fold higher than the necessary accumulated concentration to be detectable 

compared to my findings. Our next research direction is to figure out what would be the lowest 

concentration administrated to mouse model since the initial concentration would be higher due to 

animal biodistribution. 

5.5 Conclusion 

For in-line phase contrast imaging, we observed that lipid-shell MBs greater than 4 µm, and ideally 

between 6-10 µm, generated the most contrast and are a promising contrast agent. These MBs may 

be an optimal target for future molecular imaging studies where they can be targeted and 

accumulate on blood vessels in diseased tissues. Moreover, we suggested that 5×106 MB/ml may 

be the lowest detectable concentration in the diseased tissue. While this approach is currently most 

appropriate for preclinical imaging studies that can combine in-line phase contrast and anatomical 
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imaging, there is potential for future clinical translation especially with grating interferometry 

approaches. 

In multiple-image radiography, lipid MBs 6-10 µm possess characteristics to be a candidate for 

USAXS. Since increasing the size of MBs can create more dark-field contrast, MBs with a diameter 

6-10 µm are expected to generate more USAXS. MBs with larger diameter have larger surface 

areas, so there would be more scatterings generated and higher contrast. Besides, the homogeneity 

in distribution would be another strength of monodispersed lipid-MBs 6-10 µm, which helps to 

reduce the necessary dose of contrast agents used in vivo. Dark-field signal is strongly affected by 

the parameters of MBs associated with size, shell thickness, and uniformity [96]; therefore, we 

believe that lipid-shelled MBs 6-10 µm would be a potential contrast agent to map the USAXS 

property of objects with MIR. These data suggested that with the minimum concentration of 5×107 

MBs/ml, lipid-shelled MBs larger than 6-10 µm are a candidate for MIR X-ray phase contrast of 

breast cancer.  

With magnetic resonance imaging, SPION-MBs have been widely used as a contrast agent, and we 

would like to identify the minimum detectable amount for each type of SPION-MBs. After 

comparing these methods of adhering SPIONS onto/into MB shells, we found that one-layer 

SPION-coated MBs provided adequate MRI contrast to be clinically useful, 5 × 105 MBs/ml, with 

the future direction of employing these MBs for targeted breast cancer imaging. 
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