
 

 
 

Modulating Cardiac Hemodynamics Using Tunable Soft Robotic Sleeves in a 
Porcine Model of HFpEF Physiology for Device Testing Applications 

 
Luca Rosalia1,2, Caglar Ozturk2†, Sophie X. Wang2,3†, Diego Quevedo-Moreno4, Mossab 

Y. Saeed5, Adam Mauskapf6, Ellen T. Roche2,4* 

 
 
1Health Sciences and Technology Program, Harvard University - Massachusetts 
Institute of Technology, Cambridge, 02139-4307, MA, USA. 

2Institute for Medical Engineering and Science, Massachusetts Institute of 
Technology, Cambridge, 02139-4307, MA, USA. 

3Department of Surgery, Beth Israel Deaconess Medical Center, Boston, 02215, MA, 
USA. 

4Department of Mechanical Engineering, Massachusetts Institute of Technology, 
Cambridge, 02139, MA, USA. 

 5Department of Cardiac Surgery, Boston Children’s Hospital, Harvard Medical School, 
Boston, 02115 MA, USA. 

6Corrigan Minehan Heart Center, Massachusetts General Hospital, Boston, 02114-
2696, MA, USA. 

 

† These authors contributed equally. 
Contact information: 
 
 
*Prof. Ellen T. Roche 
etr@mit.edu 
Institute for Medical Engineering and Science 
Massachusetts Institute of Technology  
45 Carleton St. 
Cambridge, MA 02142. 
 
Keywords: soft robotics, cardiac sleeves, disease models, hemodynamics, HFpEF, device 
testing 
  

mailto:etr@mit.edu


 2 

ABSTRACT 

Heart failure with preserved ejection fraction (HFpEF) is a major challenge in cardiovascular 
medicine, accounting for approximately 50% of all cases of heart failure. Despite the ongoing 
efforts, no medical device has yet received FDA approval. This is largely due to the lack of an in 
vivo model of the HFpEF hemodynamics, resulting in the inability to evaluate device effectiveness 
in vivo prior to clinical trials. Here, we describe the development of a highly tunable porcine model 
of HFpEF hemodynamics using implantable soft robotic sleeves, where controlled actuation of a 
left ventricular and an aortic sleeve can recapitulate changes in ventricular compliance and 
afterload associated with a broad spectrum of HFpEF hemodynamic phenotypes. We 
demonstrate the feasibility of the proposed model in preclinical testing by evaluating the 
hemodynamic response of the model post-implantation of an interatrial shunt device, which was 
found to be consistent with findings from in silico studies and clinical trials. This work overcomes 
limitations of prior HFpEF models, such as low hemodynamic accuracy, high costs, and long 
development phases. The versatile and adjustable platform introduced could transform HFpEF 
device development, aiming to enhance the lives of the 32 million people affected globally.  
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INTRODUCTION 
Heart failure with preserved ejection fraction (HFpEF) is a clinical syndrome in which patients 
have signs and symptoms of heart failure despite a normal left ventricular ejection fraction (LVEF; 
≥ 50%).[1] HFpEF accounts for approximately 50% of all patients with heart failure, resulting in 
over 3 million people with this condition in the US and up to 32 million globally.[2,3] Currently, 
pharmacological therapies have shown limited mortality benefits and no medical device has yet 
been approved by the FDA for the treatment of HFpEF. As a result, the mortality associated with 
HFpEF is higher than that of most cancers.[4,5]   
 
HFpEF encompasses conditions with diverse etiologies, usually with multisystem involvement, 
entailing cardiac, pulmonary, vascular, metabolic, renal, and/or hepatic abnormalities.[6,7] Our 
understanding of the pathophysiological processes that lead to these changes remains 
incomplete and hypotheses are constantly evolving. From a biomechanical standpoint, HFpEF is 
characterized by left ventricular (LV) stiffening or loss of compliance, hindering its ability to relax 
during diastole and reducing its capacity to fill.[8] Loss of LV compliance can result from a variety 
of conditions, including metabolic disease, microvascular inflammation, restrictive, infiltrative, and 
hypertrophic cardiomyopathies, or can be secondary to pressure overload (or increased afterload) 
due to hypertension or aortic stenosis.[9–15] In the context of pressure overload, concentric 
remodeling or thickening of the LV is thought to ensue as a compensatory mechanism to minimize 
changes in LV wall stress, governed by the law of Laplace.[16] Such loss of LV compliance causes 
an upward shift of the end-diastolic pressure-volume relationship (EDPVR), which results in a 
drop in the LV filling volumes, or end-diastolic volume (EDV), and higher filling pressures or LV 
end-diastolic pressure (LVEDP).[17] As a result, the amount of blood pumped during each 
heartbeat, or stroke volume (SV), is diminished, driving a drop in cardiac output (CO) and the 
inability of the heart to meet the metabolic demands of the body. Evidence of increased filling 
pressures (LVEDP, pulmonary capillary wedge pressure, or right atrial pressure) at rest or with 
exercise is required for a clinical diagnosis of HFpEF.[18]  
 
Elevated LV filling pressures are transmitted retrogradely to the left atrium (LA) and the pulmonary 
circulation, resulting in a multitude of manifestations and complications of HFpEF.  First, higher 
atrial pressures drive LA remodeling processes, which cause atrial fibrillation in 40-60% of the 
patients, increasing the risk of embolic stroke and rhythm abnormalities remarkably.[19] Second, 
high pressures are transmitted to the pulmonary circulation, causing pulmonary hypertension (up 
to 80%) as well as symptoms of pulmonary edema and dyspnea on exertion, and eventually to 
the right heart, leading to right ventricular (RV) dysfunction (up to 50%) and other 
complications.[20,21] Further, symptom management is often complicated by autonomic imbalance, 
characterized by the upregulation of sympathetic activity with withdrawal of the vagal tone, further 
increasing the risk for atrial fibrillation and chronotropic incompetence.[22,23]   
 
First-line therapy for HFpEF includes sodium-glucose cotransporter type 2 (SGLT2) inhibitors. 
These drugs have been found to decrease the combined risk of cardiovascular death or the first 
heart failure hospitalization. Nevertheless, the exact mechanism by which they confer these 
benefits is not fully understood, and they have not been shown to significantly reduce all-cause 
mortality.[24–26] Loop diuretics are also prescribed in patients with overt congestion and aerobic 
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exercise is broadly recommended.[2,27] In addition, clinical management aims to address any 
known underlying causes or complications of HFpEF.[28] In tandem with the search for 
pharmacologic therapies that can improve the survival and quality of life of HFpEF patients, 
several of which are currently undergoing clinical trials, substantial efforts have been made toward 
the development of device-based solutions.[29,30] Medical devices for HFpEF seek to restore 
adequate cardiac mechanics or hemodynamics through a variety of mechanisms. The primary 
classes of devices for HFpEF include atrial shunts, LV expanders, and mechanical circulatory 
support (MCS) devices.  
 
Atrial shunts are designed to lower elevated LA pressures by shunting blood from the LA to lower-
pressure structures, such as the right atrium (RA) or the coronary sinus. LA-to-RA interatrial 
shunts include the interatrial shunt device (IASD, Corvia Medical Inc), the V-Wave shunt (V-Wave 
Ltd), and the atrial flow regulator (AFR) device (Occlutech). These devices are made of a Nitinol 
frame or mesh of various geometries that creates a 6-10 mm opening between the LA and RA to 
shunt blood down its pressure gradient.[31–33] Recently, studies have investigated the feasibility of 
device-free interatrial shunting.[34] An alternative design by Edwards LifeSciences (Transcatheter 
Atrial Shunt system) aims to prevent RA overload by creating a 7-mm shunt between the LA and 
the coronary sinus.[35] Another class of devices is that of LV expanders, which store mechanical 
energy during contraction – transferring it to the LV during diastole – seeking to augment LV filling 
capacity. Two main types of LV expanders have been designed to date, namely the ImCardia 
(CorAssist Inc.) device, which is an extracardiac expander designed for implantation on the 
epicardial surface, now withdrawn due to safety concerns, and the endocardial CORolla 
(CorAssist Inc.) device for transapical implantation.[36] Finally, MCS strategies involve pumps to 
reduce LA pressures and increase CO.[37] Examples of MCS devices include the PulseVad by 
Northern Development, which is a minimally invasive smart pump aiming to enable adaptive flow 
from the LA to the descending aorta, the left atrial assist device (LAAD) – a continuous-flow LA-
to-LV pump designed to be implanted at the level of the mitral valve, and the CoPulse device – a 
type of valveless pulsatile pneumatic pump made of a flexible polyurethane membrane that is 
designed for apical implantation.[38,39] In addition, studies have been conducted to investigate the 
feasibility of traditional LVAD devices for use in HFpEF patients, although concerns remain over 
the risk of LA suction or inflow cannula obstruction due to concentric LV remodeling.[40] 
 
These device-based solutions for HFpEF are all at different stages of development, with interatrial 
shunts having been recently marketed for use in the European Union, the CORolla LV expander 
undergoing clinical trials, and MCS devices in various preclinical testing phases. However, to 
date, none of these devices have received FDA approval.[30] A major limitation to the development 
of these devices and their market approval in the US is the lack of an adequate in vivo model of 
the HFpEF hemodynamics.[41,42] As a result, preclinical safety and functional evaluation of device-
based solutions for HFpEF can only be conducted on healthy animals, considerably hindering 
their reliability.[36,43]  
 
Current large animal models of HFpEF suffer from a variety of limitations, including their limited 
hemodynamic fidelity, elevated costs, lengthy development times, and low throughput. These 
models can only rarely successfully re-create the elevations in filling pressures associated with 
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HFpEF, require follow-ups ranging between 6-24 weeks, and are affected by mortality rates of 
30% or higher.[42] Most of these models aim to recapitulate the structural and functional changes 
associated with the disease by inducing pressure overload by means of an aortic cuff, band, or 
stent.[44–46] Another method to induce pressure overload involves inducing renovascular 
hypertension via renal wrapping, renal clamping, renal embolization, or via the administration of 
deoxy-corticosterone acetate (DOCA) salt.[47–49] High-fat diets are often leveraged as a 
supplemental method for these models, aiming to recapitulate changes in metabolic function 
associated with HFpEF.[50] Another method currently under development involves reducing LV 
filling by the use of an intraventricular balloon; however, this technique is still lacking a post-
operative functional evaluation and may induce systolic dysfunction, which is only rarely 
associated with HFpEF.[42] Because of all these limitations, no such models are currently being 
used for the evaluation of medical devices for HFpEF. 
 
In this work, we describe the development of a large animal model of HFpEF hemodynamics that 
can recapitulate acute changes in LV biomechanics and afterload associated with disease in a 
tunable and controllable manner. The model is enabled by two implantable soft robotic sleeves; 
an LV sleeve that re-creates the loss of LV compliance characteristic of HFpEF, and an aortic 
sleeve that can recapitulate changes in the afterload associated with aortic stenosis, often leading 
to HFpEF (Fig. 1A).[51] In previous studies, we demonstrated the ability of the LV sleeve to limit 
cardiac filling in an in vitro model of aortic stenosis and that of the aortic sleeve to recreate the 
hemodynamics of pressure overload in vitro and in vivo.[52,53] Here, we redesign the LV sleeve for 
the development of the first porcine model of HFpEF capable of tuning pressure overload and 
ventricular compliance independently, in a facile, immediate, tunable manner, which allows us to 
re-create a broad spectrum of HFpEF hemodynamics. By investigating the hemodynamic 
response of the model post-implantation of an interatrial shunt device, we then demonstrate the 
applicability of this model for in-vivo evaluation of device-based solutions for HFpEF (Fig. 1B). 
We believe that this proposed porcine model of HFpEF hemodynamics can establish a new 
standard for the development of device-based solutions for HFpEF, addressing an unmet need in 
cardiovascular medicine by supporting translational efforts towards the development of more 
effective treatment strategies for people with HFpEF.  
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Fig. 1. Overview of the acute porcine model of heart failure with preserved ejection fraction 
(HFpEF). (A) Model of the HFpEF hemodynamics enabled by implantable soft robotic sleeves. 
Actuation of the left ventricular (LV) sleeve causes reduced LV compliance, while afterload 
modulation can be achieved using an aortic sleeve. (B) Applicability of the model for in vivo testing 
of device-based solutions for HFpEF. MCS = mechanical circulatory support. 
 
 
MATERIALS AND METHODS 
Study design 

This study involved the design of an implantable LV sleeve and the use of an aortic sleeve in a 
swine model (Yorkshire, male, ~38-45 kg) for controllable recapitulation of HFpEF 
hemodynamics. The sleeves were sized using our cardiac magnetic resonance imaging database 
on swine within weight range and manufactured using materials and techniques detailed below. 
The sleeves were implanted in n = 3 swine and actuated using hydraulic pressure. The model 
hemodynamics were evaluated for i) two distinct actuation levels of the aortic sleeve (AoS), ii) 
three distinct levels of the LV sleeve (LVS), and iii) six combined levels, leading to a total of eleven 
hemodynamic scenarios. In each case, actuation was carried out at a constant infusion rate and 
held until stable hemodynamics were reached. On a subset of swine (n = 2), medical intervention 
was then simulated by percutaneous creation of a device-free interatrial shunt and implantation 
of an interatrial shunt device. Invasive hemodynamic monitoring was performed through LV and 
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aortic catheterization for the entire duration of the studies. Metrics of pressure overload and 
diastolic dysfunction were obtained for model evaluation before and following intervention.   

Sleeve design and manufacturing 

The LV sleeve was designed on SolidWorks (2019, Dassault Systèmes) using digital anatomies 
obtained from cardiac magnetic resonance images swine studies. The outer surface of the heart 
was offset by 10 mm to generate the sleeve geometry, which was then divided into four 
circumferential quadrants (each approximately 90 degrees apart), two for each ventricle. These 
quadrants were flattened to a plane to create the contours of the molds for manufacturing of the 
two Thermoplastic Polyurethane (TPU) pockets for LV actuation. The design of the two molds 
was obtained by extrusion of the relative quadrant by the same offset (10 mm), and each mold 
was then 3D-printed using a rigid photopolymer (Veroblue, Stratasys) with an inkjet-based 
Objet30 3D-printer (Stratasys).  

For each of the two LV molds, two TPU sheets (TPU, HTM 8001-M 80A shore polyether film, 
0.012” thick, American Polyfilm) were vacuum-formed (Dental Vacuum Former, Yescom) to the 
shape of the molds. Each pair of TPU sheets was then heat-sealed at 320F for 8 seconds on a 
heat-press transfer machine using laser-cut negative acrylic molds to create enclosed and 
inflatable geometries. The edges of the two inflatable pockets were then heat-sealed to a 200-
Denier TPU-coated fabric (Oxford fabric, Seattle fabrics Inc.), which was designed to be wrapped 
around the entire cardiac anatomy. Adjustable Velcro straps were added to the RV edges of the 
fabric to enable fastening. Two small openings were created through the fabric on one side of 
each of the two pockets to connect soft tubes (latex rubber 1/16" inner diameter 1/8" outer 
diameter tubing, McMaster-Carr) as actuation lines through PVC connectors (polycarbonate 
plastic double-barbed tube fitting for 1/16" tube ID, McMaster-Carr). The soft robotic aortic sleeve 
was designed and manufactured using a similar approach, previously described by our group.[53] 

Surgical procedures and sleeve implantation 

All animal procedures were approved by the Institutional Animal Care and Use Committee of our 
institute. In vivo studies were conducted on n = 3 Yorkshire swine housed in the Massachusetts 
Institute of Technology Department of Comparative Medicine Swine Facility.  

After induction of anesthesia and endotracheal intubation, median sternotomy was performed 
using an oscillating saw. Dissection of the aortopulmonary window allowed for implantation of the 
aortic sleeve around the ascending aorta approximately 1-2 cm distal to the native aortic valve. 
The sleeve was tightened and secured using sutures. The LV sleeve was then fastened around 
the heart, taking care to orient the inflatable pockets around the LV, and tightened. The sleeve 
was secured with silk stay sutures to the pericardium to prevent downward translation during 
actuation.  

Hemodynamic monitoring devices were placed using both endovascular and open-surgical 
access approaches. A vascular flow probe (ME 13 PXN, Transonic Systems Inc.) was placed 
around the descending thoracic aorta, and two pressure-volume (PV) catheters (Transonic 
Systems Inc.) were used to perform PV loop characterization with one 5F straight catheter 
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inserted through femoral arterial access into the aortic arch and a 5F pigtail catheter placed 
transapically into the LV. Vital signs were monitored for the entire duration of the study.  

In vivo sleeve actuation 

Actuation of the sleeves was performed using a syringe pump (70-3007 PHD ULTRA Syringe 
Pump Infuse/Withdraw, Harvard Apparatus). Three actuation volumes were used for the LV 
sleeve [mild (L1) = 40-45 mL, moderate (L2) = 50-55 mL, severe (L3) = 60-65 mL] and two for the 
aortic sleeve [moderate (A1) = 3.25-3.5 mL, severe (A2) = 4-4.25 mL]. The period of actuation 
was approximately 40 and 5 seconds for the LV and aortic sleeve, respectively. A stopcock was 
used to maintain a given actuation level of each sleeve throughout the duration of the study. The 
sleeves were actuated in isolation (A1-2, L1-L3) and in a combined fashion (A1L1, A1L2, A1L3, 
A2L1, A2L2, A2L3), leading to a total of 11 actuation modalities. The evaluation of interatrial 
shunting as an interventional approach for HFpEF was conducted on two representative cases, 
referred to as moderate (A1L2) and severe (A2L3).  

Interatrial shunting 

Intervention was simulated in n = 2 swine. To this end, a device-free interatrial shunt was created 
percutaneously in one animal and a 6-mm AFR (Occlutech) was implanted in another animal. To 
create the interatrial shunt, ultrasound-guided access to the right femoral vein was obtained using 
the Seldinger technique. Under fluoroscopic guidance (OEC 9800), an 0.035” Bentson wire (Cook 
Medical) was then advanced into the RA. An 8.5Fr transseptal sheath (SJM Swartz, Abbott 
Laboratories) was then positioned in the RA and then across the interatrial septum into the LA. 
The wire was then placed into the left inferior pulmonary vein, and an 8-mm balloon (EverCross, 
Medtronic) was used to dilate the shunt. Once the atrial septal defect was created, deployment of 
the 6-mm AFR was performed under fluoroscopic guidance, using the manufacturer’s delivery 
system and pusher. Shunt patency was confirmed using epicardial color Doppler 
echocardiography (Philips EPiQ CVx with X5-1 transducer). 

Data acquisition  

LV and aortic hemodynamics were monitored throughout the study following placement of the 5F 
PV catheters (Transonic, Inc.) in the LV and ascending arch, and the vascular flow probe on the 
descending thoracic aorta (Transonic, Inc.). The PV catheters were connected to the ADV500 PV 
system (Transonic Inc.) for measurements of LV pressures (LVP), LV volumes (LVV), and aortic 
pressures (AoP). SV estimates of each animal were provided as inputs to the PV system for 
calibration, as obtained using trans-epicardial echocardiography (B-mode) on the EpiQ CVx 
system (Philips) prior to implantation of the sleeves. The vascular flow probe was connected to a 
two-channel flowmeter console (400 series, Transonic Inc.). Both the PV and flowmeter consoles 
were, in turn, connected to an eight-channel Powerlab system (ADInstruments) for real-time data 
acquisition with a 400-Hz sampling rate and recording. During the experiments, data were 
continuously monitored via LabChart software (Pro v8.1.16, ADInstruments). The default 50-Hz 
bandstop filter was applied to all signals. After the experiments, data were exported and 
processed in Matlab R2020a (MathWorks).  
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Hemodynamic evaluation 

Clinical metrics for the assessment of diastolic dysfunction and pressure overload were calculated 
for hemodynamic evaluation of the proposed model. The LVPmax, LVEDP, EDV, and end-systolic 
volumes (ESV) were measured directly from the LVP and LVV tracings. Equations 1-3 were used 
for calculation of the SV, LVEF, and CO: 
 

𝑆𝑉 =  𝐸𝐷𝑉 –  𝐸𝑆𝑉 (1) 
𝐿𝑉𝐸𝐹 =  

𝑆𝑉

𝐸𝐷𝑉
 (2) 

𝐶𝑂 =  𝑆𝑉 ∗ 𝐻𝑅 (3) 
where HR indicates the heart rate in beats per minute (bpm).  

For the assessment of pressure overload, the mean transaortic pressure gradient (dPmean) was 
calculated as the mean difference between the LVP and the AoP during cardiac ejection, each 
measured by the corresponding PV catheter. 

The indexed effective orifice area (iEOA) is calculated as in Equation 4, using the Gorlin 
equation:[54] 

iEOA =
Q

BSA 51.6 √dPmean
 (4) 

where Q is the flow through the aortic valve measured using the PV catheter in the LV and BSA 
indicates the body surface area of the animal. 

The valvulo-arterial impedance (ZVA) was measured using Equation 5:[55] 
ZVA =

LVPmax

SV
BSA (5) 

In Equations 4-5, the BSA (in m2) was estimated from the body weight (BW) (in kg) of the swine, 
using the Kelley formula (Equation 6) [56]: 

BSA = 0.0734 BW0.656(6). 

Data analysis 

All data were processed and analyzed on Matlab R2020a (Mathworks). Steady-state average and 
standard deviation values were obtained over ten consecutive heartbeats for each condition. 
Statistical significance between actuation levels was determined with respect to using two-tailed 
t-tests with a 95% confidence interval (P<0.05) on Matlab R2020a. 
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RESULTS  

Left ventricular sleeve can modulate cardiac compliance to re-create HFpEF 
hemodynamics in a porcine model. 

We designed an LV sleeve that can be implanted around the epicardial surface of the heart in a 
swine model to modulate cardiac filling function. The sleeve (Fig. 2A) is composed of two inflatable 
pockets made of TPU (HTM 8001-M 80A shore polyether film, 0.012 inches in thickness; 
American Polyfilm Inc.) that expand under pressure and of a 200-Denier inelastic TPU-coated 
fabric (Oxford fabric, Seattle fabrics Inc.) that directs the expansion of the TPU pockets towards 
the LV and enables anchoring of the sleeve onto the epicardial surface. The sleeve is designed 
to be implanted so that the inflatable pockets are in contact with the outer wall of the LV, whereas 
the rest of the fabric wraps around the RV. Velcro straps were used to secure the fabric tightly 
around the epicardial wall. The TPU pockets were designed to conform with the LV anatomy; they 
consist of a double layer of TPU sheets that are first vacuum formed to 3D printed (Veroblue, 
Objet 30 3D printer, Stratasys) molds, and then heat-sealed at their edges to create a fully 
enclosed compartment. The pockets were then heat-sealed to the fabric and connected to their 
respective actuation line (latex rubber 1/16-inch inner diameter and 1/8-inch outer diameter 
tubing; McMaster-Carr). Actuation of the LV sleeve results in a drop in LV compliance indicated 
as an upward shift of the end-diastolic pressure-volume relationship (EDPVR) in the LV PV loop 
(Fig. 2A). 

In a total of n = 3 swine, the LV sleeve was actuated at various volumes, using a syringe pump 
over a period of approximately 40 seconds (see Materials and Methods section). Fig. 2 B-C show 
representative changes in LVP and LVV, respectively, achieved at moderate and severe actuation 
compared to baseline. Notably, overlapping AoP tracings (Fig. 2B) show that actuation of the LV 
sleeve alone does not have a significant effect on aortic hemodynamics. The dotted lines in Fig. 
2B highlight a progressive increase in the filling pressures, whereas Fig. 2C shows a 
corresponding drop in the filling volumes or maximum LVV. The progression of the LV PV loop 
from baseline to severe actuation corroborates these changes and confirms the expected upward 
shift of the EDPVR, as an indication of limited LV filling induced by actuation of the LV sleeve 
(Fig. 2D).  Fig. 2 E-F illustrates the evolution of these hemodynamic changes averaged across 
the n = 3 trials, during moderate and severe actuation of the LV sleeve. From a baseline value of 
LVEDPBL = 13.3  1.2 mmHg, the LVEDP increased to 18.9  1.7 mmHg and 21.9  1.8 mmHg 
at moderate and severe actuation, respectively. Correspondingly, actuation caused a drop in the 
EDV equal to EDVM = -7.1  1.6 % and EDVS = -11.0  1.6 %. Overall, actuation of the LV 
sleeve alone was shown to recapitulate changes in LV compliance, which is the primary 
hemodynamic hallmark of HFpEF.  
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Fig. 2. LV sleeve design and induced hemodynamic effects in an in vivo model. (A) 
Illustration of the LV sleeve, with details of the inelastic fabric and the inflatable pockets. Changes 
in the LV PV loop, illustrating a drop in LV compliance as the primary hemodynamic effect induced 
by actuation of the LV sleeve. (B-C) Representative (B) LVP, AoP, and (C) LVV waveforms for 
three consecutive heartbeats at baseline (BL) and for moderate and severe actuation. The dotted 
lines in (B) highlight elevations in filling pressures. (D) Representative PV loop progression from 
BL to severe actuation, highlighting an increase in EDPVR.  (E-F) LVEDP and changes in EDV 
during LV sleeve actuation. Data show mean ± 1 S.D. Each test was conducted on n = 3 swine 
and repeated n = 3 times. EDPVR = end-diastolic pressure-volume relationship; LVP = left 
ventricular pressure; LVV = left ventricular volume; T = heart cycle period; LVEDP = left ventricular 
end-diastolic pressure; EDV = end-diastolic volume.  
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Aortic sleeve can recapitulate pressure overload driving HFpEF  

Being able to induce changes in the afterload in conjunction with LV filling modulation is critical to 
recapitulate a broader spectrum of HFpEF hemodynamic phenotypes. To this end, we integrated 
our in vivo model of HFpEF with a soft robotic aortic sleeve that can be controlled to re-create 
elevations in afterload often responsible for or associated with HFpEF. Here, we describe the 
changes in the LV and aortic hemodynamics induced by the aortic sleeve only, before 
characterizing the hemodynamics resulting from combining both sleeves in the following section. 
The aortic sleeve is made of three inflatable TPU pockets that expand under pressure to compress 
the ascending aorta, inducing pressure overload in a controllable fashion (Fig. 3A). Analogous to 
the LV sleeve, the three pockets are connected to an actuation line and to an inelastic fabric layer 
that directs the expansion of the pockets inwards and secures the sleeve around the aortic 
anatomy (Fig. 3A). The materials and manufacturing workflow, involving vacuum forming and heat 
sealing, of the aortic sleeve are the same as those of the LV sleeve. The aortic sleeve was 
actuated using the same syringe pump over a period of 5 seconds at two distinct actuation levels, 
namely moderate and severe actuation (see Materials and Methods section).  

Fig. 3 B-C shows representative changes in LVP and AoP waveforms induced by actuation of the 
aortic sleeve. Fig. 3B highlights these changes from baseline to moderate and severe actuation 
in a discrete fashion, whereas the evolution of the waveforms over time is visualized in Fig. 3C. 
Consistently, these graphs show that actuation of the aortic sleeve leads to elevations in the 
systolic LVP and a reduction of the AoP, establishing a pressure gradient between the two. 
Evaluation of hemodynamic parameters used for clinical assessment of aortic stenosis showed a 
progressive drop in the indexed effective orifice area (iEOABL = 1.09  0.19 cm/m2, iEOAM = 0.71 
 0.09 cm/m2

, iEOAS = 0.20  0.05 cm/m2; Fig. 3D) caused by controlled aortic constriction. This 
led to an increase in the mean transaortic pressure gradient (dPmean_BL = 2.7  1.3 mmHg, dPmean_M 
= 36.4  3.2 mmHg, dPmean_S = 54.6  3.7 mmHg; Fig. 3E) and in elevations in the valvulo-arterial 
impedance (ZVA_BL = 1.9  0.1 mmHg m2/mL, ZVA_M = 3.3  0.6 mmHg m2/mL, ZVA_S = 5.5  0.5 
mmHg m2/mL; Fig. 3F).  

Representative changes in cardiac function during actuation of the aortic sleeve are shown in Fig. 
3 G-I. As predicted, controlled aortic constriction led to a rightward shift of the LV PV loop, with 
an increase in systolic LVP and a drop in the SV (Fig. 3G). Quantitatively, moderate and severe 
actuation led to changes in LVP and SV equal to LVPmax_M = 47.6  6.0 % and LVPmax_S = 82.4 
 11.8 % (Fig. 3H) and SVM = -29.7  7.0 % and SVS = -43.9  5.9 % (Fig. 3I). 
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Fig. 3. Hemodynamic effects of the soft robotic aortic sleeve for in vivo model of HFpEF. 
(A) Overview of the soft robotic aortic sleeve, illustrating the inflatable pockets and the inelastic 
fabric layer. Exemplary PV loop highlights elevations in afterload from baseline as induced by the 
aortic sleeve. (B-C) Representative LVP and AoP waveforms (B) at discrete levels, including (BL) 
baseline, moderate and severe actuation for five consecutive heartbeats, and (C) progressively 
during actuation. (D-F) Changes in aortic hemodynamic metrics due to moderate and severe 
actuation of the aortic sleeve, including (D) iEOA, (E) dPmean, and (F) ZVA. (G) Representative 
evolution of PV loops from BL due to severe aortic sleeve actuation. (H-I) Changes in (H) LVP 
and (I) SV for moderate and severe actuation. Data show mean ± 1 S.D. Each test was conducted 
on n = 3 swine and repeated n = 3 times. LVP = left ventricular pressure; AoP = aortic pressure; 
T = heart cycle period; iEOA = indexed effective orifice area; dP = transaortic pressure gradient; 
ZVA = valvulo-arterial impedance; LVV = left ventricular volume; SV = stroke volume.  
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Soft robotic sleeves can be modulated to recapitulate a spectrum of HFpEF hemodynamics  

Through the combination of the LV and aortic sleeves, our porcine model of HFpEF can re-create 
various hemodynamic phenotypes of HFpEF, which will allow us to capture a broad spectrum of 
HFpEF etiologies and disease severities. The illustration in Fig. 4A shows representative 
combinations of the LV and aortic sleeve actuation schemes that can be leveraged to recapitulate 
various HFpEF hemodynamics. When the aortic sleeve is off, actuation of the LV sleeve can 
capture the hemodynamics of limited LV filling associated with HFpEF in the absence of pressure 
overload, for example, relevant for patients with restrictive, infiltrative, or hypertrophic 
cardiomyopathies. Conversely, actuation of both sleeves enables afterload and LV compliance 
modulation for the recapitulation of the hemodynamics of HFpEF caused by (or comorbid with) 
aortic stenosis or hypertension. The schematic in Fig. 4A also shows that the actuation levels of 
the sleeves can be modulated individually to recreate various severities of disease. 

Fig. 4 B-D illustrates hemodynamic changes induced by actuation of the aortic sleeve only (AoS), 
then followed by actuation of both sleeves (Ao+LVS). This allowed us to investigate the ability of 
our model to simulate the hemodynamic progression of patients with HFpEF secondary to 
pressure overload in a longitudinal manner. Fig. 4 B-C shows that actuation of the LV following 
actuation of the aortic sleeve can cause an increase in filling pressures and a drop in filling 
volume, even in the context of pressure overload. Further, Fig. 4B highlights that the systolic LVP 
may drop slightly due to actuation of the LV sleeve, which is a consequence of the decrease in 
filling volumes (or preload). Similarly, actuation of the LV sleeve induces a considerable drop in 
both EDV and ESV, as seen in Fig. 4C. Overall, the SV is reduced in Ao+LVS compared to 
baseline, which is consistent with the effects of limited cardiac filling associated with HFpEF. 
These changes can be visualized in Fig. 4D, which shows the progression of PV loops from 
baseline to pressure overload only (AoS), and finally to both pressure overload and limited cardiac 
filling (Ao+LVS).   
 
The graphs in Fig. 4 E-G showcase the broad spectrum of hemodynamic characteristics that could 
be obtained by selective and independent actuation of the LV and aortic sleeves. Changes in 
dPmean in Fig. 4E show that the degree of pressure overload can be reliably controlled by the aortic 
sleeve (dPmean_Off_L1  = 4.9  0.4 mmHg, dPmean_A1L1  = 21.1  1.8 mmHg, dPmean_A2L1 = 45.3  3.7 
mmHg, P < 0.001; Fig. 4E) and that progressively reducing filling capacity through actuation of 
the LV sleeve does not cause significant alterations to it (dPmean_A2L3 = 45.7  3.6 mmHg; Fig. 4E). 
Actuation of the LV sleeve resulted in an increase in the LVEDP (LVEDPOff_L1 = 14.2  1.3 mmHg, 
LVEDPOff_L3 = 22.3  1.7 mmHg, P < 0.01; Fig. 4F). When combined with pressure overload, and 
for the same actuation level of the LV sleeve, these changes become slightly more pronounced 
(LVEDPA2L1 = 15.5  1.7 mmHg, LVEDPA2L3 = 25.6  2.9 mmHg, P < 0.01; Fig. 4F). Similarly, a 
reduction in end-diastolic volumes ranging from 2-10% can be achieved, depending on the level 
of actuation (EDVOff_L1 = -2.4  1.5 %, EDVOff_L3 = -10.9  4.5 %, P < 0.05; Fig. 4F). Because 
pressure overload is also associated with an increase in EDV (Fig. 4F) when the LV sleeve is 
used in tandem with the aortic sleeve, its actuation level can be adjusted to obtain a desired 
change in EDV (EDVOFF_L1 = -2.4  1.5 %,  EDVA2L2 = -2.9  3.2 %; Fig. 4F). These data 
demonstrate that by varying the actuation levels independently for each sleeve, this model can 
re-create a variety of hemodynamic profiles of relevance for studies of HFpEF and device testing.  
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Fig. 4. In vivo HFpEF hemodynamic modulation via integration of left ventricular (LV) and 
aortic sleeves. (A) Schematic illustrating representative actuation patterns of LV and aortic 
sleeves. (B-C) Representative (B) LVP and AoP and (C) LVV waveforms for five consecutive 
heartbeats at baseline (BL) and during actuation of the aortic sleeve (AoS) and of both aortic and 
left ventricular sleeves (Ao+LVS). (D) Representative LV PV loop progression from baseline 
through pressure overload (AoS) to pressure overload and HFpEF (Ao+LVS). (E-G) Metrics of 
pressure overload and HFpEF, including (E) dPmean, (F) LVEDP, and (G) EDV for various 
actuation schemes of the aortic (bottom: off, A1, A2) and LV (top: L1-L3) sleeves. Data show 
mean ± 1 S.D. Each test was conducted on n = 3 swine and repeated n = 3 times. *: P < 0.05, **: 
P < 0.01, ***: P < 0.001, n.s.: non-significant. LVP = left ventricular pressure; AoP = aortic 
pressure; LVV = left ventricular volume; T = heart cycle period; dP = transaortic pressure gradient; 
LVEDP = left ventricular end-diastolic pressure; EDV = end-diastolic volume.  
 
 
In vivo HFpEF hemodynamic model enables high-fidelity testing of device-based solutions  
 
Fine control over the hemodynamic characteristics of HFpEF in a preclinical model enables high-
fidelity testing of medical devices for this condition. To demonstrate feasibility in device testing, 
we simulated HFpEF intervention by creating a device-free atrial septal defect (ASD) and by 
implantation of an interatrial shunt device (Fig. 5A). Details of the interventional approaches can 
be found in the Materials and Methods section. Fluoroscopy and color Doppler imaging confirmed 
the correct positioning and patency of the interatrial shunt device (Fig. 5B, Supplementary Video 
1). Competence of the aortic, mitral, and tricuspid valves was confirmed via color Doppler imaging 
(Supplementary Video 2). 
 
The hemodynamic effects of interatrial shunting on LV unloading can be visualized via the LVP 
and AoP waveforms and LV PV loops in Fig. 5 C-D. Both graphs show that shunting restores 
physiologic levels of filling pressures and that it causes a reduction in the systolic LVP. This occurs 
because interatrial shunting results in a drop in the preload, which causes the LV PV loop to move 
down its EDPVR curve, leading to a reduction in both peak systolic and end-diastolic pressures 
(Fig. 5D).  
 
The drop in systolic LVP causes a decrease in the dPmean, which is more prominent when severe 
disease (both pressure overload and limited filling) is simulated (dPmean_S = 45.7  3.6 mmHg, 
dPmean_S+SH = 40.8  0.4 mmHg; Fig. 5E) compared to moderate disease (dPmean_M = 20.8  3.7 
mmHg, dPmean_M+SH = 22.4  1.0 mmHg; Fig. 5E). LA-to-RA shunting restored levels of the LVEDP 
close to baseline (LVEDPBL = 13.1  2.4 mmHg, LVEDPS = 25.6  2.9 mmHg, LVEDPS+SH = 17.1 
 0.2 mmHg; Fig. 5F). Further, varying the level of disease severity was shown to influence the 
LVEDP measured after intervention, where higher severity levels led to slightly elevated values 
of LVEDP (LVEDPM+SH = 14.4  1.1 mmHg, LVEDPS+SH = 17.1  0.2 mmHg; Fig. 5F). Analogously, 
the reduction in EDV induced by shunting was slightly more prominent for mild disease (EDVM 
= -5.4  2.9 %, EDVM+SH = -11.5  4.0 %; Fig. 5G) than for the simulated severe condition (EDVS 
= -7.3  3.2 %, EDVS+SH = -10.4  2.1 %; Fig. 5G).   
 
Our model was able to predict changes in other metrics of cardiac function, including SV, LVEF, 
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and CO, associated with intervention (Fig. 5 H-J). Due to a reduction in both the EDV and the 
ESV, we measured further drops in SV caused by shunting both when simulating mild (SVM = -
16.0  9.2 %, SVM+SH = -25.9  0.9 %; Fig. 5H) and severe (SVS = -19.5  11.5 %, SVS+SH = -
28.2  2.7 %; Fig. 5H) HFpEF hemodynamics. This led to a slight increase in the LVEF due to 
shunting for both disease levels (LVEFM = 45.2  3.7 %, LVEFM+SH = 49.2  5.5 % LVEFS = 44.1 
 3.4 %, LVEFS+SH = 46.3  1.9 %; Fig. 5I). Finally, we observed an increase, albeit modest, in 
CO (COM = 4.5  0.4 L/min, COM+SH = 4.6  0.2 L/min, COS = 4.5  0.8 L/min, COS+SH = 4.6  0.1 
L/min; Fig. 5J). This is likely due to chronotropic compensation, as apparent from elevations in 
heart rate induced by shunting (Fig. 5C). 
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Fig. 5. Application of HFpEF hemodynamic model for device testing and evaluation. (A) 
Illustration of aortic and LV sleeves and of an interatrial shunt used to simulate intervention in 
HFpEF in vivo model. (B) Color flow map imaging illustrating shunt patency and interatrial flow. 
Detail of shunt positioning on fluoroscopy. (C-D) Representative (C) LVP and AoP waveforms for 
five consecutive heartbeats and (D) LV PV loops at baseline (BL), during actuation of the aortic 
and LV sleeves (Ao+LVS) and following shunt creation. (E-J) Metrics of aortic and LV 
hemodynamics at BL, for moderate actuation (M), moderate actuation with shunt (M+SH), severe 
actuation (S), and severe actuation with shunt (S+SH), including (E) dPmean, (F) LVEDP, (G) EDV, 
(H) SV, (I) LVEF, and (J) CO. Data show mean ± 1 S.D. Each test was conducted on n = 3 swine 
and repeated n = 3 times for the HFpEF disease model and n = 2 for shunt evaluation. Triangles 
represent data points obtained with an AFR device (Occlutech). LA = left atrium; RA = right atrium; 
LV = left ventricle; RV = right ventricle; LVP = left ventricular pressure; AoP = aortic pressure; T 
= heart cycle period; LVV = left ventricular volume; dP = transaortic pressure gradient; LVEDP = 
left ventricular end-diastolic pressure; EDV = end-diastolic pressure; SV = stroke volume; LVEF 
= left ventricular ejection fraction; CO = cardiac output.  
 
 
DISCUSSION 
This work presents the first large animal model of HFpEF hemodynamics for use in preclinical 
testing of medical devices for HFpEF. The proposed model is based on implantable soft robotic 
sleeves that can be controllably actuated to finely re-create changes in preload and afterload 
associated with (or leading to) HFpEF. 

We describe the design, manufacturing, and development of a soft robotic LV sleeve to be 
implanted around the heart in a swine model to modulate LV compliance and filling capacity (Fig. 
2A). The sleeve is made of pre-formed actuatable TPU pockets in contact with the epicardial 
surface of the LV. When pressurized, these pockets inflate to mechanically limit LV filling, leading 
to a controlled increase in LVEDP and a drop in the EDV and SV (Fig. 2 D-F), which represent 
the main hemodynamic signature of HFpEF. Elevations in the afterload (associated with up to 
90% of cases of HFpEF) [57] were recapitulated using controlled aortic constriction using a soft 
robotic aortic sleeve (Fig. 3A). Analogous to the LV sleeve, the aortic sleeve is made of 
expandable TPU pockets attached to an inelastic fabric layer for implantation around the wall of 
the ascending aorta. By calculating diagnostic metrics of aortic stenosis (Fig. 3 D-F) and cardiac 
function (Fig. 3 G-I), we showed that actuation of the aortic sleeve can recapitulate various 
degrees of pressure overload that are clinically relevant for HFpEF. 

In a swine model, we implanted both the LV and aortic sleeves and showed that they can be 
actuated in isolation or in combination to recapitulate a broad spectrum of HFpEF hemodynamic 
phenotypes (Fig. 4A). For each of the simulated conditions, we measured LVP, AoP (Fig. 4B), 
LVV (Fig. 4C), LV PV loops (Fig. 4D), dPmean (Fig. 4E), LVEDP (Fig. 4F), and EDV (Fig. 4G) to 
investigate the effects of selective and progressive sleeve actuation on cardiac hemodynamics 
and confirmed that the changes in the hemodynamics obtained with our model are consistent with 
the clinical literature of HFpEF.[17] We showed that actuation of the LV sleeve did not affect 
changes in the afterload induced by the aortic sleeve (Fig. 4E). Conversely, we observed an 
effect, albeit minor, of aortic sleeve actuation on the modulation of LVEDP and EDV induced by 
the LV sleeve. Particularly in the context of acute onset of pressure overload, severe elevations 
in the afterload may cause a rightward shift of the LV PV loop (Fig. 4D) characterized by an 
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increase in the LVEDP and EDV. As a result, actuation of the aortic sleeve may augment any 
increase in LVEDP induced by the LV sleeve (Fig. 4F), while attenuating associated drops in EDV 
(Fig. 4G). In this work, we used two representative actuation volumes for the aortic sleeve and 
three volumes for the LV sleeve, which led to a total of eleven conditions being simulated; 
however, the volumes of each sleeve could be adjusted and modulated further to achieve 
additional hemodynamic states. 

HFpEF represents a huge burden on the US healthcare system, with associated medical costs 
projected to exceed $25 million in 2030.[58] The efforts made towards the development of medical 
devices that can enhance cardiac mechanics in HFpEF patients have been largely hindered by 
the absence of adequate hemodynamic in vivo models, leading to the lack of FDA-approved 
device-based solutions for this condition. Most of the preclinical functional evaluation of HFpEF 
devices report testing on healthy in vivo models and unanimously emphasize the inability to 
simulate HFpEF hemodynamics as the primary limitation of their studies.[36,43] There is a broad 
variety of devices for HFpEF that are currently under development that would likely benefit from 
a reliable hemodynamic model of HFpEF. As an example of utility in acute evaluation of medical 
interventions for HFpEF, we demonstrated that our model could predict the hemodynamics 
associated with implant-free interatrial shunting and of an interatrial shunt device currently in 
clinical trials and seeking FDA approval (Fig. 5A-B). Although evaluating the efficacy of these 
interventions is not the purpose of this work, we showed that our model could recapitulate the 
hemodynamic changes associated with these treatment strategies, as predicted by computational 
models and human studies.[30,34,59,60] Particularly, we observed that shunting induced a shift of LV 
hemodynamics down the EDPVR curve due to a drop in preload (Fig. 5D), which led to a decrease 
in LVEDP (Fig. 5F), EDV (Fig. 5G), and SV (Fig. 5H). Further, diminished preload caused by 
shunting resulted in decreased systolic LVP (Fig. 5B) and dPmean (Fig. 5E), likely governed by the 
Frank-Starling mechanism.  

There are several advantages associated with this model. First, by relying on soft robotic 
actuatable sleeves, this model can recapitulate the hemodynamics of HFpEF in a controllable and 
highly tunable manner. The effect of each sleeve can be independently modulated by varying 
their respective actuation volume (or pressure). Having two degrees of freedom allows the models 
to mimic a wide variety of hemodynamic changes associated with HFpEF, from mild to severe 
filling dysfunction and pressure overload. As a result, our platform can capture the remarkably 
heterogeneous spectrum of HFpEF hemodynamics, which are observed clinically. This lends our 
model to medical device evaluation for several hemodynamic subphenotypes of HFpEF and 
disease severities. Ultimately, this may lead to more reliable methods for device testing and the 
identification of subphenotype- or patient-specific device-based solutions for HFpEF. Finally, by 
acutely recreating the HFpEF hemodynamics, this model does not suffer from the prohibitive 
costs, lengthy development time, and limited throughput of previously reported large animal 
models of HFpEF induced by chronic pressure overload and/or metabolic disease. 

One of the limitations of this approach involves its inability to predict changes in the long-term 
progression of HFpEF as affected by medical intervention. This is because this platform 
recapitulates the HFpEF hemodynamics using externally applied forces rather than biological 
processes. As a result, the effects of medical devices on remodeling processes and associated 
chronic hemodynamic changes cannot be comprehensively captured by this model. Secondly, 
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although we demonstrated the ability to predict the acute hemodynamic effects of medical 
intervention by creating an LA-to-RA shunt, testing of extracardiac strategies, such as certain 
types of mechanical circulatory support strategies, may require some adjustments to the design 
of the LV sleeve, which may depend on the specific type and implantation approach of a given 
device. Future studies are warranted to further improve the clinical relevance of our proposed 
approach by exploring further the spectrum of medical devices for HFpEF that can be evaluated 
using this platform. Through close partnerships with industry, we also aim to conduct additional 
studies to evaluate the efficacy of device-based solutions under development for HFpEF more 
comprehensively, by increasing the power of our trials and by recapitulating specific 
hemodynamic phenotypes of HFpEF and severities of disease. 

In future work, we aim to further enhance the ability of the model to recapitulate human disease. 
We will do so by embedding flexible sensors in the sleeves to enable adequate pre-tensioning 
around the aortic wall and epicardial surface of the heart and integrating closed-loop feedback to 
mimic patient-specific hemodynamic states. Further, we will seek to broaden the range of clinical 
scenarios that can be recapitulated by this model by combining LV compliance modulation, as 
achieved by LV sleeve actuation, with hemodynamic states commonly associated with HFpEF, 
such as systemic and pulmonary hypertension and right heart dysfunction. For example, the LV 
and aortic sleeve designs could be modified to modulate RV compliance and pulmonary vascular 
resistance, simulating a broader range of hemodynamic states. Since these conditions play a 
critical role in the pathophysiology of HFpEF and are each associated with a unique regulatory 
response, it is crucial to accurately represent them. This will ensure a comprehensive evaluation 
of intervention effectiveness across a wider range of scenarios addressed in this study. 

By describing a method that can recreate a broad spectrum of clinically relevant HFpEF 
hemodynamics in a highly controllable manner, this work can have a profound impact on current 
strategies for HFpEF device development and evaluation. This study could bridge the gap 
between in silico/in vitro testing and human trials for device-based solutions of HFpEF by 
overcoming the elevated costs and need for substantial resources for preclinical testing in a large 
animal model of disease, and by providing a better alternative to testing in healthy hemodynamic 
conditions, that is more reliable and tunable, hence more clinically relevant. We believe that this 
work represents a paradigm-shifting application of the use of soft robotics in in vivo disease 
modeling and device testing, which is a step forward towards addressing the lack of adequate 
treatment for HFpEF and alleviating its burden on healthcare and on the lives of the 32 million 
people currently suffering from this condition. 
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