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Abstract  16 

Advancement of subject-specific in-silico medicine requires new imaging protocols tailored 17 

to specific anatomical features, paired with new constitutive model development based on 18 

structure/function relationships. In Part I of this two-part study we develop a new dual-VENC 19 

4D Flow MRI protocol that provides unprecedented spatial and temporal resolution of in-vivo 20 

aortic deformation. Based on this dual-VENC subject-specific aortic imaging technique, in   21 

Part II we develop a new finite element framework that uncovers the link between spatial 22 

variance in vessel composition and biomechanical function. The imaging protocol developed 23 

in Part I provides high sensitivity to all blood flow velocities throughout the entire cardiac 24 

cycle, overcoming the challenge of accurately measuring the highly unsteady non-uniform 25 

flow field in the aorta. Cross sectional area change, volumetric flow rate, and compliance are 26 

observed to decrease with distance from the heart, while pulse wave velocity is observed to 27 

increase. A non-linear aortic lumen pressure-area relationship is observed throughout the 28 

aorta, such that a high vessel compliance occurs during diastole, and a low vessel compliance 29 

occurs during systole. This clearly demonstrates that vessel compliance during a cardiac 30 

cycle cannot be simplistically represented by a single value. This high-resolution MRI data 31 

provides key information on the spatial variation in non-linear aortic compliance. In Part II 32 

we demonstrate that such subject-specific data facilitates the development of finite element 33 

simulations that directly predict the relationship between spatial variations in vessel 34 
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composition and biomechanical function. This MRI/FEA framework significantly advances 1 

the state-of-the-art of in-silico diagnostic techniques for the human aorta.  2 

Keywords: dual-VENC 4D Flow MRI; heterogeneous compliance, pulse wave velocity; 3 

non-linear compliance. 4 

1 Introduction 5 

Of the 97,000 km of blood vessels in the human body, the near-metre long segment 6 

connecting the left ventricle to the periphery, known as the aorta, is the most important. 7 

Diseases affecting the aorta such as aneurysm and dissection have long been documented, but 8 

still today remain difficult to treat. According to the Centre for Disease Control and 9 

Prevention, an average of 47,000 deaths each year in the United States are attributed to 10 

diseases of the aorta and its branches (excluding carotid and coronary disease). This exceeds 11 

the number of annual deaths due to breast cancer, pancreatic cancer, colon cancer and 12 

prostate cancer [1]. 13 

Patients undergoing surgery of the aorta have two main treatment options: open 14 

surgical repair (OSR); or endovascular aortic repair (EVAR). The introduction of EVAR in 15 

the early 1990s was fuelled by the need for a less invasive treatment option for co-morbid 16 

patients and poor outcomes following OSR. In the quarter-century since its introduction, 17 

EVAR has shown superiority over OSR in the short-term, where studies continue to report 18 

mortality rates from 14% to 45% in the first 30 days post-OSR [2], [3], but no significant 19 

benefits are apparent for EVAR patients in the long-term [4].  20 

As the first thoracic endovascular aortic repair (TEVAR) graft only received FDA 21 

approval in 2005 [5], long-term results are only now coming to light. A number of studies 22 

have reported high levels of cardiac complications following TEVAR, where Conrad [6] 23 

reports 34% mortality due to cardiac events in thoracic aortic aneurysms (TAA), while a 24 

study by Bischoff [7] reports 30% cardiac mortality for a larger TAA cohort. A recent study 25 

by Concannon [8] reports that, from a cohort of 151 patients with thoracoabdominal aortic 26 

aneurysms (TAAA), 39%  of total deaths were due to cardiac failure. Notably, all deaths due 27 

to new onset cardiac complications were in patients who underwent stenting of the 28 

supradiaphragmatic aorta. Altogether, these results suggest a dependence of post-operative 29 

cardiac outcomes on the location of stent deployment in the aorta. 30 

A detailed biomechanical investigation of the influence of stent deployment on aortic 31 

deformation, haemodynamics, and pulse wave velocity (PWV) is required to uncover the 32 

mechanisms that cause cardiac complications post-TEVAR. As an important first step in this 33 
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process, we propose a non-invasive 4D Flow MRI protocol to accurately characterise spatial 1 

variations in biomechanical behaviour throughout the entire aorta, in addition to dynamic 2 

variations throughout a cardiac cycle. The ability to characterise spatially dependent vessel 3 

geometry and deformation, blood flow patterns, and PWV will potentially guide the selection 4 

of stent-graft design and position in EVAR procedures in order to minimise the risk of 5 

cardiac complications post-intervention. An increased PWV has been established as a strong 6 

risk factor for cardiac events, independent of traditional risk factors such as smoking, 7 

hypertension and diabetes mellitus [9]. The ability to accurately determine the spatially non-8 

uniform PWV throughout the entire aorta, both pre- and post-intervention, could potentially 9 

provide new insights. 10 

The increase in clinical acceptance of EVAR has resulted in a reduction in the number 11 

of primary OSR cases [10], and a consequent reduction in the availability of tissue samples 12 

for in-vitro biomechanical testing. Moreover, surgically excised tissue often consists of a 13 

small portion (approximately 1 cm2) of the aorta, presenting significant challenges in terms of 14 

bi-axial mechanical testing [11]. Therefore, in-vitro testing of excised tissue does not present 15 

a viable methodology to accurately determine the detailed spatial variations in compliance 16 

and PVW in a patient-specific aorta. Alternative approaches of combined medical imaging 17 

and computational analysis (finite element (FE) and computational fluid dynamics (CFD) 18 

modelling) to determine biomechanical properties non-invasively are highly promising, 19 

particularly in light of recent advances in medical imaging technology and computational 20 

capability. 21 

Of the few studies that attempt to investigate the biomechanics of the aorta, its 22 

heterogeneity has been reasonably well established in animals through ex-vivo testing of the 23 

excised vessel [12], [13]. Previous in-vivo analyses of the human aorta have focused on 24 

limited isolated segments, such as the thoracic [14] or abdominal aorta [15], which fail to 25 

provide the necessary anatomical coverage to capture the true heterogeneity and therefore 26 

cannot be taken to represent the entire vessel. Due to the lack of reliable and detailed 27 

information on the heterogeneity of the aorta, computational models have typically assumed 28 

that the wall stiffness is spatially uniform throughout the vessel [16]–[19]. An improved 29 

robust methodology to non-invasively characterise patient-specific spatial variation in aortic 30 

PWV and compliance throughout the cardiac cycle has the potential to provide accurate 31 

heterogeneous material properties for computational models, leading to significant 32 

improvements in EVAR device design, and subsequently, postoperative outcomes. 33 
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In-silico tools are being considered as possible replacements for animal and human 1 

experimentation and the pre-clinical assessment [20]. Advancement of subject-specific in-2 

silico medicine requires new imaging protocols tailored to specific anatomical features, 3 

paired with new constitutive model development based on structure/function relationships. In 4 

Part I of this two-part study a dual-VENC 4D Flow MRI protocol is developed to achieve 5 

accurate measurement of the dynamically changing flow velocity field and lumen area 6 

throughout the entire cardiac cycle and the entire aorta. To the best of our knowledge, no 7 

previous medical imaging paper has reported such detailed spatial and temporal 8 

characterisation of the human aorta. For the first time, a nonlinear relationship between 9 

lumen area and pressure is uncovered in-vivo over the duration of a cardiac cycle throughout 10 

the entire aorta, providing key evidence that aortic biomechanics cannot be characterised by a 11 

single value compliance coefficient, as commonly assumed [21]–[23]. Furthermore, our 12 

detailed in-vivo measurements reveal that the lumen pressure-area relationship, and PWV are 13 

highly heterogeneous throughout the aorta. Our high-resolution MRI data allow us to 14 

develop, in Part II of this study, novel subject-specific finite element simulations that directly 15 

predict the relationship between spatial variations in vessel composition and biomechanical 16 

function. This MRI/FEA framework significantly advances the state-of-the-art of in-silico 17 

diagnostic techniques for the human aorta. 18 

2 Methodology 19 

In this paper a protocol is proposed to evaluate patient-specific haemodynamics and lumen 20 

deformation along the entire human aorta, and throughout the entire cardiac cycle, using 21 

phase-contrast magnetic resonance (PC-MRI) principles (specifically, 4D Flow MRI). 22 

Further details of the applications and potential uses of 4D Flow MRI can be found in: [24]–23 

[29]. Generally, with the aim of assessing anatomical structures, it is the magnitude of the 24 

local spin magnetization vector that is used in the creation of typical MR images. However, 25 

important information regarding the movement of hydrogen protons is encoded in the phase 26 

of this vector. In the field of PC-MRI, such information is exploited to determine the flow 27 

velocity of targeted protons. A brief summary of the theoretical background to PC-MRI is 28 

presented in Section 2.1 to motivate the protocol proposed in this paper. 29 

2.1 Theoretical background 30 

In this section we provide a brief overview of the key theory and equations that motivate the 31 

dual-VENC protocol proposed in Section 2.2. The theoretical physics underlying MRI is 32 

extensively outlined in literature, e.g. [30]–[32]. In summary, MRI is a phase-sensitive 33 



5 
 

modality that encodes information regarding the velocity of the targeted protons into the 1 

detected signal. The velocity is proportional to the phase of the local transverse magnetization 2 

vector. In the remainder of this paper the term spins is used to refer to a finite group of 3 

protons within a given volume. The phase of spins is governed by the local Larmor or 4 

precessional frequency 𝜔𝐿: 5 

𝜔𝐿(𝑟, 𝑡) = 𝛾𝐵(𝑟, 𝑡) (1) 

𝜔𝐿(𝑟, 𝑡) = 𝛾𝐵0 + 𝛾∆𝐵0 + 𝛾𝐺⃗(𝑡)𝑟(𝑡) (2) 

where 𝛾 is the gyromagnetic ratio; 𝐵0 is the primary magnetic field; ∆𝐵0 relates to field 6 

imperfections or inhomogeneity; 𝐺⃗ is the magnetic field gradient; and 𝑟 is the location of the 7 

spins. If spin acceleration is constant between 𝑡0 and the time at which we sample our signal 8 

or echo time (𝑡), then 𝑟(t) can be represented by a 1st order displacement, expressed through a 9 

Taylor expansion [31] 10 

𝑟(𝑡) = 𝑟0 + 𝑣⃗0(𝑡 − 𝑡0) +
1

2
𝑎⃗0(𝑡 − 𝑡0)2 + ⋯ (3) 

where 𝑟0 is the initial position, 𝑣⃗0 is the velocity, 𝑡0 is the initial time, and 𝑎⃗0 is the 11 

acceleration. Substituting (3) into (2) and neglecting higher order terms gives: 12 

𝜔𝐿(𝑟, 𝑡) = 𝛾𝐵0 + 𝛾∆𝐵0 + 𝛾𝐺⃗(𝑡)𝑟0 + 𝛾𝐺⃗(𝑡)𝑣⃗0𝑡 (4) 

Making use of the rotating frame of reference sets the first term on the left-hand side in 13 

equation 4 to zero, and integration of the frequency 𝜔𝐿 with respect to time, t, yields the 14 

phase shift, ∅, of the fluid, such that 15 

∅(𝑟, 𝑡) = 𝛾 ∫ ∆𝐵0

𝑇0+∆𝑇

𝑇0

𝑑𝑡 + 𝛾 ∫ 𝐺⃗(𝑡)
𝑇0+∆𝑇

𝑇0

(𝑟0 + 𝑣⃗0𝑡)𝑑𝑡 (5) 

Decomposing our equation for phase shift into a moment expansion yields: 16 

 17 

∅0 = 𝛾∆𝐵0(∆𝑇) (6) 

Defining the nth gradient moment as 18 

𝑀𝑛(𝑡) = ∫ 𝐺⃗(𝑡)
𝑇0+∆𝑇

𝑇0

𝑡𝑛𝑑𝑡, (7) 
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the phase shift [31] is then expressed as 1 

∅(𝑟, 𝑡) = ∅0 + 𝛾𝑀0(𝑡)𝑟0 + 𝛾𝑀1(𝑡)𝑣⃗0 (8) 

In order to extract information regarding the velocity of spins, all other components 2 

contributing to the phase of the precessing magnetization vector must be eliminated, i.e. the 3 

first term on the right-hand side of equation 8 (due to inhomogeneities) and the second term 4 

on the right-hand side of equation 8 (due to static protons). Employing a Bipolar Gradient (𝐺⃗) 5 

removes phase accrual due to static spins. Turning on a magnetic field gradient augments 𝐵0 6 

to a degree that is related to position in space. Spins at the isocentre (𝐼) of the scanner precess 7 

at the Larmor frequency and adjacent spins precess either faster or slower depending on their 8 

position relative to 𝐼. Therefore, at a certain spin position relative to 𝐼, turning on 𝐺⃗ for a 9 

given increment in time will invoke a phase shift of a static proton of ∆∅. By inverting the 10 

polarization of 𝐺⃗ and leaving it on for the same period of time, this same spin packet will 11 

recover its original phase. By removing phase accrual due to static spins, the total phase is 12 

now only made up of contributions from background (inhomogeneities) and velocity terms 13 

∅(𝑟, 𝑡) = ∅0 + 𝛾𝑣⃗𝑀1 (9) 

Phase offset due to background is constant so toggling the order by which 𝐺⃗ is employed 14 

yields: 15 

∅𝑎(𝑟, 𝑡) = ∅0 + 𝛾𝑣⃗𝑀1,𝑎   ;    ∅𝑏(𝑟, 𝑡) = ∅0 + 𝛾𝑣⃗𝑀1,𝑏 (10) 

Subtraction of the above terms removes phase accumulation due to background, giving ∆∅, 16 

which is now only dependent on 𝑣⃗ and ∆𝑀1 (the shape of the bipolar gradient): 17 

∆∅ = ∅𝑎 − ∅𝑏 = 𝛾𝑣⃗∆𝑀1 (11) 

Fluid velocity along the direction of 𝐺⃗ can therefore be determined through: 18 

𝑣⃗ =
∆∅

𝛾∆𝑀1
 (12) 

Changing ∆𝑀1 determines the velocity encoding sensitivity (VENC), defined as the velocity 19 

that causes a phase shift of 𝜋, such that 20 

𝛾∆𝑀1 =
𝜋

𝑉𝐸𝑁𝐶
 (13) 
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giving the local fluid velocity 𝑣⃗ [31] as 1 

𝑣⃗ =
∆∅

𝜋
𝑉𝐸𝑁𝐶 (14) 

By performing this procedure along the three orthogonal directions a scanner can be 2 

sensitized to calculate, of each voxel, the component of the velocity vector in the foot-head 3 

(FH), antero-posterior (AP) and right-left (RL) directions (Figure 1). Combined with a CINE 4 

acquisition, time provides the fourth dimension for a so called 4D Flow MRI or formally “3D 5 

CINE Phase Contrast CMR with 3-directional velocity encoding” sequence. 6 

In Figure 1, cranial flow (in the positive z-direction) is indicated in red on the FH image in 7 

the ascending thoracic aorta. The flow direction is in the negative z-direction in the 8 

descending aorta, as indicated by blue in the FH image. In the AP image, posterior flow can 9 

be seen traversing the apex of the aortic arch while anterior flow is indicated by blue as blood 10 

leaves the left ventricle into the ascending thoracic aorta. Similarly, flow sensitization is seen 11 

with the RL image although velocity encoding is less obvious in the RL direction upon 12 

viewing a sagittal plane. 13 

 14 

Figure 1: Sensitization along the three principle orthogonal directions, where FH, AP and RL indicate 15 
Foot-Head, Antero-Posterior and Right-Left, respectively (also referred to as the z, y, and x components 16 
of a Cartesian coordinate system). 17 

 18 

Due to the orthogonality of the chosen velocity encoding directions, the velocity magnitude 19 

of a given voxel is simply given as: 20 

|𝑣⃗| = √𝑣⃗𝑥
2 + 𝑣⃗𝑦

2 + 𝑣⃗𝑧
2 (15) 
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Defining ∆𝑇 as the period for which 𝐺⃗ is switched on, regardless of its polarization, the first 1 

moment 𝑀1 of the bipolar gradient can be calculated directly as: 2 

𝑀1 = ∫ +𝐺⃗𝑖𝑡 𝑑𝑡 + ∫ −𝐺⃗𝑖𝑡 𝑑𝑡
𝑇1+∆𝑇

𝑇1

=
𝑇0+∆𝑇

𝑇0

𝐺⃗𝑖𝑇1∆𝑇 (16) 

Recognising that 𝐺⃗𝑖∆𝑇 is equal to the area of an individual gradient lobe 𝐴 and T is the time 3 

from 𝑇0 to the time at the beginning of the second gradient lobe 𝑇1, an instantaneous flip of 4 

the polarization of 𝐺⃗ [31] gives: 5 

𝑀1 = 𝐴𝑇 = 𝐺⃗𝑖𝑇
2   ;   ∆𝑀1 = 2𝐺⃗𝑖𝑇

2 (17) 

The velocity sensitization is therefore dependent upon the strength of 𝐺⃗ and the time T over 6 

which it is active, such that 7 

𝑣⃗ =
∆∅

2𝛾𝐺⃗𝑖𝑇2
 (18) 

Equation 17 dictates how the scanner can sensitize to specific fluid velocities. For example, 8 

reducing the velocity sensitization from VENC = 200 cm/s to VENC = 50 cm/s requires a 9 

four-fold increase in the strength of 𝐺⃗, or an increase in the time over which it is activated. 10 

Thus, it is preferable that the strength of the magnetic field gradient be increased to achieve a 11 

reduction in velocity sensitization, instead of increasing T necessitating unfeasibly long scan 12 

times. 13 

2.2 Proposed dual-VENC protocol for complete characterisation of aortic flow  14 

Maximal sensitivity is obtained for spins moving at a velocity equal to the specified VENC 15 

value. This presents a particular challenge for determination of blood flow patterns in the 16 

aorta where flow is highly unsteady (temporally varying) and non-uniform (spatially 17 

varying). For example, a VENC of 200 cm/s, may provide a suitable level of sensitivity to 18 

determine the high velocity blood flow patterns in the aortic arch during systole. However, 19 

such a VENC value is not suitable during the diastolic phase, where the fluid velocity is 20 

considerably lower. In fact, in using a VENC of 200 cm/s, low velocity blood flow during 21 

diastole cannot be distinguished from static tissue and the lumen of the aorta cannot be 22 

reliably identified. A reduced VENC is required to achieve sufficient resolution of the flow 23 

field during diastole. 24 
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Of course, such a low VENC is not suitable for systolic flow velocities; any fluid 1 

velocity greater than VENC will be misrepresented and aliased, as described elsewhere [33]–2 

[35]. In an attempt to overcome this issue, previous studies have proposed phase unwrapping 3 

algorithms to estimate velocities higher than VENC. However, significant errors have been 4 

reported for such techniques, in addition to increased post-processing time [36]–[38]. 5 

The dual-VENC protocol proposed in this study generates a composite dataset, with a 6 

high-VENC of 200 cm/s targeted to systole and a low-VENC of 50 cm/s targeted to diastole. 7 

As the only difference between our two datasets is the velocity sensitization, accurate 8 

velocity field measurement and lumen boundary isolation can be performed for each phase 9 

and plane throughout the entire cardiac cycle, all the while keeping acquisition parameters 10 

within the bounds specified in the most recent 4D Flow MRI expert consensus statement [39]. 11 

If the velocity of any pixel in an arbitrary plane of interest is greater than our low-VENC 12 

value (50 cm/s) we use the high-VENC matrix to calculate the cross-sectional-area and 13 

volumetric flow rate; otherwise, we use the corresponding low-VENC matrix. This approach 14 

negates the need for phase unwrapping techniques and provides greater accuracy in flow 15 

quantification in areas where the fluid velocity is low than single high-VENC acquisitions. 16 

2.3 Imaging parameters 17 

The current study was approved by the institutional review board (Research Assessment 18 

Group (RAGp), Galway Clinic) and was conducted on a healthy 25-year-old male with a 19 

normotensive blood pressure measurement of 117/73 mmHg and a heart rate of 60 bpm. The 20 

subject was placed in a Philips Ingenia 3T MRI scanner (Philips Medical Systems, Best, 21 

Netherlands) and a 4-lead ECG system was placed on the chest with retrospective 22 

synchronization to the scanner to image according to specific phases of the subjects’ cardiac 23 

cycle. A non-contrast RF-Spoiled Gradient Echo pulse sequence was employed in order to 24 

capture a sufficient number of heart phases under free-breathing conditions. The field of view 25 

was set to encompass the entire aorta. The longitudinal (FH) boundaries spanned from above 26 

the level of the aortic arch to distal to the common iliac bifurcation, while the lateral (AP) and 27 

(RL) bounds enclosed the breadth and width of the subject respectively. The frequency 28 

encoding direction was set to AP to reduce artefact from respiratory motion. Important scan 29 

parameters are as follows: repetition time (TR) = 3.1 ms, echo time (TE) = 1.9 ms, Flip Angle 30 

= 8°, cardiac phases = 20, temporal resolution = 50 ms, isotropic in-plane resolution = 1 mm, 31 

slice thickness = 4 mm, VENC = 200 cm/s and 50 cm/s. VENC scouts were ran to obtain the 32 

minimum high-VENC value to prevent aliasing and optimize Signal to Noise Ratio (SNR), 33 
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while a 4 mm slice thickness was used to limit scanning time. The scan time for a VENC of 1 

200 cm/s was 4 minutes, and 8 minutes for a VENC of 50 cm/s. In the case of the latter, the 2 

TR was increased to 10 ms to allow sufficient down-time for the gradient coils to prevent 3 

excessive overheating. A balanced four-point encoding scheme was used, further details of 4 

which can be found in [40]. 5 

2.4 Postprocessing 6 

All data was processed using in-house developed C++, Python and MATLAB code. Data 7 

processing was performed on an Intel Core i7 CPU with 16GB DDR3 RAM. Post-processing 8 

time for the dual-VENC dataset was approximately 20 minutes. Raw MRI data files were 9 

sorted according to their encoding direction using RadiAnt DICOM Viewer (v4.2.1, 10 

Medixant, Poznan, Poland) and subsequently organised according to the time-point in the 11 

cardiac cycle using a custom Image J plugin (Figure 2(a)). ParaView (5.4.1, 12 

www.paraview.org) visualisation software served as the platform for reading the image data 13 

for each encoding direction, developing voxel associativity and subsequent calculation of 14 

local velocity magnitudes |𝑣⃗|(𝑥, 𝑦, 𝑧, 𝑡) as illustrated in Figure 2(b). It is necessary to ensure 15 

that observational planes are orthogonal to the mean direction of blood flow when attempting 16 

to characterize lumen deformations and volumetric flow rates due to the onset of a pressure 17 

pulse. A centreline detection algorithm was developed to ensure such requirements were 18 

fulfilled as shown in Figure 2(c), where the centreline is defined as the centroid of the aortic 19 

flow domain. 20 

Analyses were performed at 10 planes along the aorta (Figure 2(d)), ranging from 21 

Plane 1 distal to the sinus of Valsalva to Plane 10 immediately proximal to the common iliac 22 

bifurcation, with an average section spacing along the centreline of 50 mm. Each time-point 23 

for each plane in both VENC datasets was then exported for all further postprocessing in 24 

MATLAB (R2013b, MathWorks Inc., Natick, MA, USA). A bicubic interpolation algorithm 25 

is employed in order to attain further clarity for aortic lumen edge detection. A series of cubic 26 

splines were fit to the intensity values of individual pixels along both the x and y dimensions 27 

in a given plane (Figure 2(e)) and the grid density was increased to 0.5 x 0.5 mm in-plane 28 

spatial resolution. Figure 2(f) (i) and (ii) highlight in-plane pixel data pre- and post-29 

interpolation. 30 

At this point, each velocity magnitude image is masked by the square of the 31 

corresponding magnitude (anatomical) image (Figure 2(f) (iii)) in order to create a PC-MRA 32 

matrix according to methods described in [41]. Using each PC-MRA image, an ellipse is fit 33 
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to the boundary of the fluid domain for each plane and phase of interest to determine the 1 

lumen area as a function of space and time based on a custom-built segmentation algorithm. 2 

Using the high-VENC velocity matrix, if the velocity of any pixel is greater than the low-3 

VENC value (50 cm/s) we use this matrix to calculate the cross-sectional-area and volumetric 4 

flow rate. Otherwise, the corresponding low-VENC matrix is used. The composite data set 5 

generated by the dual-VENC protocol eliminates the need for any phase unwrapping 6 

techniques. 7 

For each of the 10 planes analysed, the percentage cross-sectional-area change (Δ𝐴̂) is 8 

defined according to (𝐴𝑠𝑦𝑠 − 𝐴𝑑𝑖𝑎)/𝐴𝑑𝑖𝑎, where subscripts ‘sys’ and ‘dia’ represent systole 9 

and diastole respectively. After isolating the aortic lumen from surrounding structures, 10 

streamlines and flow vectors can be plotted as shown in Figure 2(g). The integral of the 11 

velocity within the boundary of the aortic lumen provides the instantaneous volumetric flow 12 

rate (Q) as shown in Figure 2(h). Finally, the local PWV at each plane is calculated according 13 

to the QA method described in Vulliémoz [41] and shown in Figure 2(i), where PWV is 14 

defined as the coefficient of proportionality between Q (blue) and 𝐶𝑆𝐴 (red) bound by the 15 

systolic upstroke of the cardiac cycle. Additionally, spatial variance in PWV is calculated 16 

using the time-to-peak (TTP) method described in [43], where in this case the wave speed is 17 

defined as ∆𝑧/∆𝑡, where ∆𝑧 is the distance along the vessel centreline between regions of 18 

interest and ∆𝑡 is the time lag between flow peaks for the thoracic and abdominal aortic 19 

segments in this case. 20 
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 1 

Figure 2: Basic overview of postprocessing steps. (a) Raw MRI volume of interest (b) velocity magnitude 2 
calculation using equation 14 from each encoding direction. (c) Centreline detection algorithm and (d) 3 
centreline highlighted in red with 10 orthogonal observational planes created normal to the mean 4 
direction of flow along entire aorta. (e) Bicubic interpolation process to increase in-plane spatial 5 
resolution. (f) Pre- (I) and Post- (II) interpolation, final matrix is multiplied by magnitude data (III) to 6 
form a PC-MRA image. (g) Streamlines plotted at 200ms into cardiac cycle. (h) Volumetric flow rate 7 
through an observational plane in the descending thoracic aorta during the systolic upstroke. (i) Flow 8 
(blue) and CSA (red) as a function of time in cardiac cycle, where the constant of proportionality can be 9 
used to calculate pulse wave velocity. 10 
 11 
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2.5 Compliance   1 

To estimate local vessel compliance, the pressure must be estimated throughout the cardiac 2 

cycle at the location in question. The clinical definition of vessel compliance is typically 3 

given as ∆𝐶𝑆𝐴/∆𝑃 during a cardiac cycle. Typically, vessel compliance is reported as a 4 

single value [23], [44], [45] as only the systolic (SBP) and diastolic pressures (DBP) are 5 

recorded. However, it is trivial to demonstrate that, even for the simplistic thin-walled linear-6 

elastic cylindrical vessel undergoing infinitesimal deformation, a linear relationship does not 7 

exist between ∆𝑃 and ∆𝐶𝑆𝐴 and therefore a single value of local compliance cannot be 8 

identified. Moreover, the well-established non-linear material behaviour of arterial tissue, e.g. 9 

[46]–[48], further invalidates the concept of a single value of compliance. By considering the 10 

entire blood pressure waveform, we investigate the time-dependence in local compliance 11 

along the length of the aorta. 12 

As local variations in pressure are not directly measured, we consider three 13 

methodologies for estimation of time-dependent blood pressure throughout the aorta: Firstly, 14 

a generic central aortic blood pressure curve was scaled to the subject’s cardiac cycle time, 15 

SBP and DBP (Figure 3(a)). This pressure-time relationship is applied to each plane in the 16 

aorta. Secondly, setting the central aortic blood pressure waveform to Plane 5, we employ the 17 

unsteady Bernoulli equation to calculate the blood pressure waveform at discrete proximal 18 

and distal planes (Figure 3(b)). Beginning with the Navier-Stokes equation; 19 

𝜌 [
∂𝑣⃗

∂t
+ (𝑣⃗ ∙ ∇)𝑣⃗] = −∇𝑃 + 𝜌𝑔⃗ + 𝜇∇2𝑣⃗ (19) 

and assuming viscous effects contribute little to pressure differential compared to transient 20 

and convective terms as shown by [49], the last term in equation 19 goes to zero and we 21 

obtain the Euler equation. Multiplying by an infinitesimal increment 𝑑𝑧 along a streamline, 22 

such that 𝑑𝑧 is parallel to the mean velocity direction 𝑣⃗ gives 23 

𝜌 [
∂𝑣⃗

∂t
+ (𝑣⃗ ∙ ∇)𝑣⃗] ∙ 𝑑𝑧 = −∇𝑃 ∙ 𝑑𝑧 + 𝜌𝑔⃗ ∙ 𝑑𝑧 (20) 

Integrating between two arbitrary points (Point 1 and Point 2) along a streamline yields 24 

∫ 𝜌
∂𝑣⃗

∂t

2

1

𝑑𝑧 +
1

2
𝜌(𝑣2

2 − 𝑣1
2) = −(𝑃2 − 𝑃1) − 𝜌𝑔⃗(𝑧2 − 𝑧1) (21) 
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where the first term on the left in equation 21 contains the integral of the local acceleration of 1 

a fluid particle along a streamline between Point 1 and Point 2. 𝜌 is the fluid density, 𝑃 is the 2 

pressure, and 𝑣⃗ is the fluid velocity. We neglect the last term on the right-hand side as the 3 

subject is in the supine position in the scanner and hence the change in elevation along the 4 

vessel ∆𝑧 can be taken as zero. 5 

Thirdly, we investigate a piecewise approach of determining the aortic blood pressure 6 

waveform from PC-MRI data and non-invasive brachial blood pressure measurements 7 

(Figure 3(c)). The approach is described in detail in [50]. Briefly, the method makes use of 8 

the water hammer equation for the systolic upstroke phase of the cardiac cycle according to: 9 

𝛥𝑃 = 𝜌 ∙ 𝑃𝑊𝑉 ∙ 𝛥𝑣 (22) 

where 𝑃 is pressure, 𝜌 is density and 𝑣 is blood velocity. A diastolic decay function driven by 10 

time constant 𝜏 is utilized for the phase between aortic valve closure and re-opening where: 11 

𝑃(𝑡) = 𝑃0 ∙ 𝑒−
𝑡
𝜏 (23) 

Finally, the systolic peak is approximated by a second-order polynomial which satisfies 12 

continuity and produces the prescribed mean arterial pressure (MAP). The corresponding area 13 

versus pressure graphs are shown for each method in Figure 9(a), Figure 9(b) and Figure 9(c) 14 

respectively. 15 

 16 

Figure 3: Pressure boundary conditions applied to calculate local aortic compliance. (a) Uniform; (b) 17 
Unsteady Bernoulli; (c) Piecewise. 18 
 19 

3 Results 20 

3.1 Dual-VENC protocol for complete characterisation of aortic flow 21 

We employ PC-MRI principles to capture both the deformation and haemodynamics of the 22 

entire aorta. The proposed dual-VENC protocol provides high sensitivity to all blood flow 23 
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velocities throughout the entire cardiac cycle, overcoming the challenge of accurately 1 

measuring the highly unsteady non-uniform flow field in the aorta. A single high-VENC 2 

approach, while providing accurate measurements of high velocities during systole, was 3 

found to have insufficient resolution at low velocities to differentiate blood flow during 4 

diastole from the surrounding static tissue; this observation has been previously reported [28], 5 

[51], [52]. Consequently, the lumen geometry cannot be accurately determined in any region 6 

of the aorta during diastole, as clearly illustrated in Figure 4(a) (only the high velocity flow in 7 

thoracic aorta at a time-point of 200 ms (systole) is accurately measured). An inability to 8 

accurately determine the lumen geometry and velocity field in the entire aorta for the entire 9 

cardiac cycle prohibits the determination of clinically relevant quantities such as cross-10 

sectional-area, aortic compliance, volumetric flow rate and PWV. As discussed in Section 11 

2.2, a single acquisition low-VENC will not provide accurate measurement of high velocities 12 

during systole due to phase wrapping. This is evident in Figure 4(a), where the high velocities 13 

at 200 ms are significantly under-predicted by the low-VENC acquisition, compared to the 14 

high-VENC that is specifically sensitized for accurate measurement during systole. However, 15 

flow velocities and the flow domain are accurately determined at all other time-points (0, 16 

500, 700 and 900 ms) using a low-VENC, in contrast to the high-VENC measurements where 17 

flow is indistinguishable from the noise associated with surrounding static tissue. Figure 4(b) 18 

further highlights this motivation for a dual-VENC approach. At 200 ms (top row), high-19 

VENC accurately represents the fluid domain for the thoracic plane (indicated in red), 20 

whereas velocity aliasing is evident in low-VENC. In fact, some velocity vectors over 50 21 

cm/s are misrepresented as negative velocities travelling towards the heart for low-VENC at 22 

this thoracic plane during systole. At 900 ms (bottom row), high-VENC is incapable of 23 

distinguishing the fluid domain from static tissue in the abdominal plane (indicated in blue), 24 

while the low-VENC accurately represents the flow field and aortic lumen boundary. 25 
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 1 

Figure 4: (a) Sagittal view of velocity magnitude vectors. The high-VENC (top row) captures systole, as 2 
shown at the 200 ms time-point. However, during diastole, low-velocity blood flow is not distinguishable 3 
from surrounding static tissue. The low-VENC provides accurate data on the region of blood-flow (and 4 
thus the lumen boundary) throughout the entire cardiac cycle. However, velocity aliasing is evident in 5 
low-VENC during systole. (b) Further emphasis of the requirement for dual-VENC approach, where top 6 
row indicates systole (200ms) in the thoracic plane (red), where high-VENC accurately illustrates the flow 7 
profile but velocity aliasing is evident in low-VENC (vectors above 50 cm/s travelling towards the heart). 8 
The bottom row illustrates how high-VENC cannot distinguish low velocity vectors from static tissue 9 
clearly in the abdominal plane (blue), while low-VENC can. By combining both data-sets in our dual-10 
VENC approach, we obtain accurate measurements of the region of flow (and thus the lumen boundary) 11 
in addition to accurate measurement of the velocity vectors throughout the entire R-R interval in the 12 
entire aorta. 13 

 14 
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3.2 Spatial deformation 1 

Figure 5 shows the spatial and temporal change in lumen cross-sectional-area throughout a 2 

cardiac cycle.  Clearly the lumen cross-section-area (CSA) decreases with increasing distance 3 

from the heart at any given time-point in the cardiac cycle. For example, at time t=250 ms, 4 

the CSA at Plane 2 in the ascending aorta is 644 mm2, compared to 295 mm2 at Plane 5 and 5 

158 mm2 at Plane 10. 6 

 7 

Figure 5: Area as a function of cardiac cycle time for a series of discrete planes along the vessel from 8 
proximal to distal aorta. Filled markers indicate phases where low-VENC data were used and unfilled 9 
markers indicate where high-VENC were used. 10 
 11 

Figure 6(a) shows the lumen area at the end of diastole, Adia, for all 10 planes. The well-12 

known tapering of the aorta is also evident, with a decrease in Adia with increasing distance 13 

from the heart. The percentage change in cross-sectional-area, ∆𝐴̂, due to the onset of the 14 

pressure pulse is presented for each plane in Figure 6(b), where ∆𝐴̂ = (𝐴𝑠𝑦𝑠 − 𝐴𝑑𝑖𝑎)/𝐴𝑑𝑖𝑎. 15 

Firstly, it should be noted that ∆𝐴̂ ranges from 15% for Plane 10 up to 65% for Plane 1, 16 

providing an indication of the extremely large deformation of the aortic wall during a cardiac 17 

cycle. Indeed, it should be noted that the circumferential strains in the aortic tissue will be 18 

significantly larger than the values of ∆𝐴̂ reported, given that the undeformed reference area 19 

(at zero pressure) is significantly lower than 𝐴𝑑𝑖𝑎 (clearly the true undeformed reference area 20 

cannot be determined in a “live” aorta, so the measure ∆𝐴̂ is instead presented here to 21 

demonstrate the high aortic deformations during a cardiac cycle). Categorising the planes into 22 
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two subgroups, namely ‘thoracic’ and ‘abdominal’, a statistically significant difference in ∆𝐴̂ 1 

is observed between the two groups (p<0.005). 2 

 3 

Figure 6: (a) Diastolic cross-sectional-area for each plane, highlighting the tapering of the aorta distally. 4 
(b) Cross-sectional-area change for each plane along the aorta. ** indicates a statistically significant 5 
difference between thoracic and abdominal aorta subgroups (p<0.005). 6 
 7 

3.3 Spatial haemodynamics 8 

The integral of the velocity matrix within the boundary of the fluid domain yields the 9 

volumetric flow rate, 𝑄 (Figure 7). The reduction of 𝑄 with increasing distance from the heart 10 

can be attributed, in part, to out-flow to visceral arteries including the supra-aortic, 11 

mesenteric and renal vessels. For example, the large drop in flow between Plane 1 and Plane 12 

5 is associated with out-flow to the innominate, left common carotid, and left subclavian 13 

arteries supplying the head, neck, and upper body with a large volumetric blood flow. The 14 

opening of the aortic valve occurs at approximately 50 ms and closes at 500 ms, while the 15 

time lag between the flow peaks of each plane is related to the speed of the ejected pulse 16 

wave propagating through the aortic tree. Peak systolic blood flow ranges from 196 ml/s at 17 

Plane 1 in the ascending aorta to 28 ml/s at Plane 10 in the abdominal aorta, while diastolic 18 

flow at timepoint 600 ms ranges from 53ml/s at Plane 1 to 2ml/s in Plane 10. The non-zero 19 

flow during diastole, illustrates the well-known Windkessel effect. The measurements 20 

presented here demonstrate that the diastolic flow due to the Windkessel effect is highest in 21 

the ascending aorta and reduces with increasing distance from the heart. 22 

** 
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 1 

Figure 7: Aortic volumetric flow rate, Q throughout the cardiac cycle for a series of discrete planes along 2 
the vessel from proximal to distal aorta. Filled markers indicate phases where low-VENC was used and 3 
clear markers where high-VENC was used. 4 

 5 

The coefficient of proportionality between 𝑄 and 𝐶𝑆𝐴 provides the wave propagation speed 6 

(i.e. the speed of a blood column as it travels through the aorta following ventricular 7 

ejection), formally known as the pulse wave velocity (PWV). Figure 8(a) shows a higher 8 

wave velocity in the distal aorta than in the proximal aorta. Again, categorising the planes 9 

into two subgroups, thoracic and abdominal, a statistically significant difference in PWV 10 

between the two groups is found (p<0.005). The implementation of the TTP method to 11 

determine the PWV also provides a similar result, as shown in Figure 8(b); the PWV in the 12 

abdominal aorta (8.2 m/s) is found to be approximately 28% higher than in the thoracic aorta 13 

(6.4 m/s). The increased PWV in the abdominal aorta is due, in part, to the tapered geometry, 14 

as shown in Figure 6(a). However, spatial changes in vessel compliance also contribute to the 15 

observed increase in PWV. 16 
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 1 

Figure 8: (a) PWV determined using the QA method. A gradient in wave speed is evident, increasing with 2 
distance from the heart. (b) PWV determined using the TTP method from Plane 1 to Plane 5 (thoracic) 3 
and Plane 5 to Plane 10 (abdominal). Thoracic and abdominal aortic segments exhibit a wave velocity of 4 
6.36 m/s and 8.21 m/s respectively. 5 
 6 

3.4 Spatial and temporal compliance 7 

Spatial and temporal changes in vessel compliance are next investigated using the three blood 8 

pressure waveforms ((i) uniform brachial pressure wave, (ii) spatially varying pressure wave 9 

computed using the unsteady Bernoulli approach, (iii) spatially varying pressure wave 10 

determined using the piecewise approach) determined in Section 2.5. In Figure 9, the 11 

instantaneous lumen cross-sectional-area is plotted as a function of blood pressure. Results 12 

are presented for the three aforementioned pressure waveforms at the proximal ascending 13 

aorta and the distal abdominal aorta. The instantaneous compliance at a given lumen pressure 14 

is given by the slope of the pressure-area graph. In all cases two distinct linear regions are 15 

observed, such that a high vessel compliance occurs at low pressures, and a low vessel 16 

compliance occurs at high pressures. This clearly demonstrates that vessel compliance during 17 

a cardiac cycle cannot be simplistically represented by a single value. The decrease in 18 

compliance at higher lumen pressures is due to strain stiffening constitutive behaviour of the 19 

aortic wall. 20 
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 1 

Figure 9: Area versus Pressure for the three pressure waveforms: (a,d) uniform brachial pressure wave; 2 
(b,e) spatially varying pressure wave computed using unsteady Bernoulli approach; (c,f) spatially varying 3 
pressure wave determined using piecewise approach. Circular markers represent Plane 2 (proximal 4 
ascending thoracic aorta) and square markers represent Plane 10 (distal infrarenal abdominal aorta). 5 
Two-distinctive linear compliance regimes are evident in each case. The values of the bi-linear compliance 6 
are determined from the slope of the best-fit lines. High compliance regimes labelled with red lines and 7 
subscript “1”, and low compliance regimes labelled with blue lines and subscripts “2”; e.g. C102 indicates 8 
the low compliance regime of plane 10.  Results highlight a strong dependence of compliance on transient 9 
lumen pressure and on spatial location. 10 
 11 

For each case presented in Figure 9, the value of compliance is determined using linear 12 

regression fits for the two distinct regions (red and blue) of the pressure-area graphs (values 13 

are presented in Table 1). Clear evidence of strain stiffening is visible in each subplot of 14 

Figure 9, where significantly higher aortic dilation for a given change in pressure are 15 

observed in the high compliance (red) regime, compared to the low compliance (blue) 16 

regime. As an example, for Plane 2 (Figure 9a (uniform blood pressure waveform)) the 17 

compliance at low pressure (C21 = 11.94 mm2/mmHg) is over eight times higher than the 18 

compliance at high pressure (C22 = 1.48 mm2/mmHg). For Plane 2 the high compliance 19 

regime occurs for pressures below 85 mmHg. While a broadly similar bi-linear behaviour is 20 

also observed at Plane 10 (abdominal aorta), compliance values are an order of magnitude 21 

lower than those at Plane 2 (ascending aorta). As an example, for Plane 10 (Figure 9d 22 

(uniform blood pressure waveform)) a high compliance value of C101 = 0.67 mm2/mmHg is 23 

determined, with a low compliance value of C101 = 0.11 mm2/mmHg. Furthermore, at Plane 24 

10 the change in compliance regime is observed to occur at a pressure of ~100 mmHg 25 

(compared to ~85 mmHg at Plane 2). These results highlight the dramatic differences in in-26 
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vivo material behaviour between the thoracic and abdominal aorta.  Despite the fact that 1 

higher material strains occur in the thoracic aorta, as evident from Figure 6, the instantaneous 2 

material stiffness is significantly higher in the abdominal aorta. The higher stiffness of the 3 

abdominal aorta explains, in part, the higher PWV in this region, as observed in Figure 8. 4 

 5 

Table 1: Compliance values based on linear regression best-fits to the low and high compliance regime 6 
data presented in Figure 9. C2 represents Plane 2 and C10 Plane 10 with subscripts 1 and 2 representing 7 
high and low compliance regimes, respectively. 8 

 9 

 Uniform Bernoulli Piecewise 

 Compliance 

(mm2/mmHg) 

(R2) Compliance 

(mm2/mmHg) 

(R2) Compliance 

(mm2/mmHg) 

(R2) 

C21 11.94 (0.973) 10.64 (0.961) 17.1 (0.998) 

C22 1.48 (0.974) 1.32 (0.976) 1.40 (0.944) 

C101 0.67 (0.892) 0.70 (0.933) 0.56 (0.919) 

C102 0.11 (0.619) 0.04 (0.523) 0.12 (0.649) 

 10 

4 Discussion 11 

In Part I of this two-part study a dual-VENC 4D Flow MRI protocol is developed to 12 

achieve accurate measurement of the dynamically changing flow velocity field and lumen 13 

area throughout the entire cardiac cycle and the entire aorta. To the best of our knowledge, no 14 

previous medical imaging paper has reported such detailed spatial and temporal 15 

characterisation of the human aorta. For the first time, a nonlinear relationship between 16 

lumen area and pressure is uncovered in-vivo over the duration of a cardiac cycle throughout 17 

the entire aorta, providing key evidence that aortic biomechanics cannot be characterised by a 18 

single value compliance coefficient, as commonly assumed [21]–[23]. Furthermore, our 19 

detailed in-vivo measurements reveal that the lumen pressure-area relationship, and PWV are 20 

highly heterogeneous throughout the aorta. Our high-resolution MRI data allow us to 21 

develop, in Part II of this study, novel subject-specific finite element simulations that directly 22 

predict the relationship between spatial variations in vessel composition and biomechanical 23 

function. This MRI/FEA framework significantly advances the state-of-the-art of in-silico 24 

diagnostic techniques for the human aorta.  25 
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4.1 Spatial deformation 1 

We examine the deformation of the human aorta during the entire cardiac cycle at 10 planes, 2 

ranging from the sinus of Valsalva to immediately proximal to the common iliac bifurcation. 3 

The high levels of cross-sectional-area change, ∆𝐴̂ during a cardiac cycle, ranging from 15% 4 

in the abdominal aorta to 65% in the ascending aorta, highlight the extremely large 5 

deformations of the aortic wall. Accurate characterisation of such large deformations requires 6 

detailed imaging of the entire aorta throughout the entire cardiac cycle. While the observed 7 

trend that dilation reduces with distance from the heart is in broad agreement with previous 8 

non-invasive imaging studies by [14] and [53], the current study provides further insights by 9 

measuring dilation on a large number of planes spanning the entire aorta.  A number of ex-10 

vivo studies also suggest that compliance decreases with distance from the heart [12], [13]. A 11 

study by Tsamis and Vorp [54] reports that the ascending thoracic aorta contains 80 elastin 12 

lamellar units while the infra-renal abdominal aorta contains 32. The decrease in elastin and 13 

increase in collagen observed by Concannon [55], provides a microstructural explanation for 14 

the decrease in compliance observed here with distance from the heart. Moreover, Tsamis 15 

and Vorp [54] also report a 50% decrease in elastin units between the descending thoracic 16 

and supra-celiac aorta, possibly providing an explanation for locally varying cross-sectional-17 

area change observed in the current study. A review paper by Sherif [56] reports that the 18 

aorta, from a developmental point of view,  is not a homogeneous structure nor one 19 

contiguous anatomical entity. Rather, it is suggested that the vessel can be split into discrete 20 

segments, each of which develops and differentiates under a distinct set of genetic and 21 

transcriptional factors. It is hypothesized that the regional differences in biomechanical 22 

behaviour may be due to the development of the ascending thoracic from neural crest cells 23 

and descending thoracic aorta from the mesoderm. With distinct connections or “weld points” 24 

between such segments, this may be the cause for local differences in cross-sectional-area 25 

change and PWV measured between adjacent planes in the current study. 26 

4.2 Spatial haemodynamics 27 

A notable outcome of this study is the spatial variance in PWV along the aorta. Results show 28 

that the PWV increases with increasing distance from the heart. This finding is reinforced 29 

using the TTP method, uncovering a 28% increase in PWV between the thoracic and 30 

abdominal aorta (6.4 m/s versus 8.2 m/s). Generally, PWV is defined in the literature as a 31 

single value for the aorta [9], [57]–[60]. The assumption of a uniform single valued PVW is 32 

primarily due to the method of clinical measurement, where the pressure pulse between two 33 
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distinct sites, most commonly the carotid and femoral arteries (cfPWV) is recorded. The 1 

Reference Values for Arterial Stiffness’ Collaboration [61], report a mean PWV value of 6.2 2 

m/s for a cohort of 1455 normal subjects < 30 year of age. However, the pathway over which 3 

cfPWV is defined does not include the highly compliant ascending aorta. The utilization of 4 

MRI techniques to quantify aortic PWV has the ability to quantify changes at a local level, 5 

producing an accurate patient-specific spatial map of PVW.  A study by Quinaglia [62] 6 

reported PWV readings targeted to the ascending aorta and found velocities of between 4 and 7 

5.8 m/s, while [63] investigated the brachio-femoral pathway in 152 young adults and found 8 

mean PWV values of 8.7 m/s.  Such measurements are comparable with the data presented in 9 

the current study for the thoracic and abdominal aorta respectively. 10 

4.3 Spatial and temporal compliance 11 

Compliance is generally presented as a single value, by taking the difference in area between 12 

diastole and systole and dividing this by patient’s change in blood pressure. Aortic tissue is 13 

not a simple linear elastic material. Rather it exhibits a significant increase in stiffness when 14 

it is stretched to a high level of deformation [64]. Such mechanical behaviour occurs due to 15 

the structural contribution of collagen fibres. At low arterial strains collagen fibres are wavy, 16 

and an incremental increase in applied force will result in a significant increase in the length 17 

of the fibre, i.e. the fibre exhibits a low structural stiffness at low levels of deformation. A 18 

further incremental increase in force applied to a straightened collagen fibre will not result in 19 

a large increase in the length of the fibre. This is because the straightening of the fibre at high 20 

levels of deformation results in an increase of the structural stiffness [65]. 21 

The structural contribution of collagen results in the well-established non-linear 22 

stress-strain relationship for arterial tissue, whereby the material exhibits low stiffness at low 23 

strains and high stiffness at high strains. The transition from the low stiffness regime to the 24 

high stiffness regime is commonly modelled using exponential strain stiffening material laws 25 

[65], [66]. To date such models have been motivated and calibrated using in-vitro tests of 26 

excised arterial tissue. Our study provides evidence, for the first time, that significant strain 27 

stiffening of the aorta occurs in-vivo over the deformation range of a cardiac cycle. Our 28 

results suggest that clinical compliance (defined as a change in lumen area with respect to a 29 

change in pressure) should not be characterised by a single value. Rather, a high compliance 30 

regime is observed for low pressures during diastole, followed by a transition to a low 31 

compliance regime for high pressures during systole. This in-vivo observation is consistent 32 

with strain stiffening observed in in-vitro testing, and it calls into question the accuracy of the 33 
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common assumption that in-vivo lumen area increases linearly with lumen pressure during a 1 

cardiac cycle (inherent in the description of compliance by a single coefficient, e.g. [22], 2 

[67]–[72]. Furthermore, our study quantifies the values of high and low compliance during a 3 

cardiac cycle, and demonstrates that these values, and the associated transition pressures, are 4 

spatially heterogeneous. Such detailed insights into vessel compliance are critical for 5 

development of an enhanced understanding of the relationship between pressure, blood flow, 6 

and PWV in the aorta, and will potentially lead to improved interventional procedures and 7 

device designs. 8 

4.4 Limitations  9 

A number of limitations should be noted for the current study, providing motivation for 10 

follow-on studies. The purpose of this study was to develop a dual-VENC imaging protocol 11 

to generate high resolution subject-specific data on heterogeneous non-linear aortic 12 

compliance and pulse wave velocity in a clinically feasible timeframe. While the data 13 

generated in the current study is limited to a single subject, the demonstration of this 14 

capability of our methodology provides a platform for extensive high-resolution 15 

characterisation of aortic biomechanics for populations of healthy and diseased subjects. It 16 

should be noted that increased temporal resolution, spatial resolution, coverage and signal to 17 

noise ratio all incur the cost of higher scan time and gradient coil capabilities in every MRI 18 

system. Hence, in order to maintain clinical feasibility temporal resolution was sacrificed in 19 

this study. In the ideal situation each phase would span a segment shorter than 50 ms, which 20 

may lead to greater accuracy in the quantification of area, flow and hence PWV, and so, more 21 

work may be justified in this area to see if any further optimization of parameters is possible 22 

for imaging the aorta in its entirety, while maintaining a short scan time. 23 

In terms of determining aortic compliance, a challenge remains to accurately measure 24 

a continuous location-specific blood pressure waveform throughout the aorta without 25 

resorting to an invasive catheterization procedure. In the absence of a clearly defined best 26 

strategy to compute a continuous pressure waveform noninvasively [39], [73], we 27 

implemented three separate waveform generation methods, namely; ‘Uniform’, ‘Unsteady 28 

Bernoulli’ and ‘Piecewise’. In any case, the current study demonstrates that the bi-linearity of 29 

the measured compliance is not strongly affected by the method of approximating the lumen 30 

pressure waveform. 31 
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4.5 Implications 1 

The results of this study have a number of potential implications for the fields of aortic 2 

biomechanics and cardiovascular surgery. The study presents a protocol that can provide 3 

accurate spatial and temporal measurements of compliance and PWV in the aorta. This may 4 

provide an incremental step in understanding why cardiac events occur post-TEVAR, through 5 

a better understanding of the relationship between PWV, aortic stiffness and cardiac function. 6 

Stenting may have a spatially varying effect on the biomechanics of the aorta by inducing a 7 

cascade analogous to “accelerated arteriosclerosis” on the system. This in turn effects 8 

cardiac function, as documented elsewhere for arteriosclerosis developed during the ageing 9 

process [54], [74], [75]. During EVAR however, a significant reduction in compliance may 10 

occur instantaneously due to stent deployment, in contrast to arteriosclerosis, where 11 

compliance gradually reduces over a period of decades. The current study shows that aortic 12 

compliance cannot be captured by a single value, and that the vessel is significantly less 13 

compliant in systole than diastole. Incorporating such detailed information into the design of 14 

EVAR devices with the aim of replicating the natural non-linear compliance of the vessel 15 

may reduce the prevalence of the aforementioned complications. 16 

5 Conclusions 17 

A dual-VENC 4D Flow MRI protocol is developed and implemented in a commercial 18 

scanner for characterising the biomechanics of the entire human aorta. A composite dataset 19 

approach is employed to maximally attenuate fluid contrast throughout the unsteady velocity 20 

profile of the cardiac cycle, providing an alternative method to phase unwrapping techniques. 21 

Pulse wave velocity increases from proximal to distal aorta, while cross-sectional-area 22 

change, volumetric flow rate and compliance all reduce with distance from the heart. Finally, 23 

compliance is shown to alter significantly during the cardiac cycle, with significantly higher 24 

compliance being observed during periods of low blood pressure. 25 
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